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Preface

This reference text Biomaterials in Orthopedics contains cutting-edge presentations by leading
authorities dealing with the critical issues surrounding materials for bone repair and reconstruction. The chapters cover the use of a wide range of biomaterials from bioabsorbables to ceramics
and metals. With input from scientific, engineering, and clinical professionals the text highlights
the multi-disciplinary nature of biomaterial development and application.
Beginning with discussions of the fundamental aspects of biocompatibility and interfacial
phenomena, the text then moves on to discussions of emerging bioabsorbable materials and
novel advancements in time-honored ceramic and metallic bone repair biomaterials. Applications
to traditional orthopedic sectors are considered along with those to oral and maxillofacial reconstruction and ever-challenging spinal applications. Despite the long history of orthopedic biomaterials, it is amazingly clear that the field begs for new solutions to clinical demands. Active
lifestyles and aging populations drive a market that showcases the need for a strengthening in
the battery of biomaterials in the surgeon’s toolcase.
This text offers a wealth of valuable data and experience that will be of use to all bioengineers, materials scientists, and clinicians concerned with the properties, performance, and use
of bone repair biomaterials—from research engineers faced with designing materials to surgeons
interested in material biocompatibility and performance. The chapters, some of which include
case studies, provide rich insights into our experiences today with a broad spectrum of contributing authors. The book focuses on discussion of the following:
Issues of biomaterial performance and biocompatibility
The rationale for designing bioabsorbable biomaterials for bone repair
Techniques for enhancing the surface properties of biomaterials
Developments in mechanical optimization of orthopedic biomaterials, and
Advances in fillers, cements and devices.
The orthopedic industry is currently one of the strongest market performers, and biomaterials are a key ingredient to this dynamic growth. Optimization of orthopedic biomaterials is in
a constant state of activity, as old materials fail to withstand the tests of time and modern
techniques and procedures drive the demand for new materials and devices. This text highlights
the aggressive approaches necessary to address this demand.
Michael J. Yaszemski
Debra J. Trantolo
Kai-Uwe Lewandrowski
Vasif Hasirci
David E. Altobelli
Donald L. Wise
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Hard Tissue–Biomaterial Interactions
Petek Korkusuz
Hacettepe University Faculty of Medicine
Ankara, Turkey

Feza Korkusuz
Middle East Technical University
Ankara, Turkey

I. INTRODUCTION: BONE AS A FUNCTIONAL ORGAN
Bone and its several associated elements—cartilage, connective tissue, vascular elements, and
nervous components—act as a functional organ. They provide support and protection for soft
tissues and act together with skeletal muscles to make body movements possible. Bones are
relatively rigid structures and their shapes are closely related to their functions. Bone metabolism
is mainly controlled by the endocrine, immune, and neurovascular systems, and its metabolism
and response to internal and external stimulations are still under assessment.
Long bones of the skeletal system are prone to injury, and internal or external fixation is
a part of their treatment. Joint replacement is another major intervention where the bone is
expected to host biomaterials. Response of the bone to biomaterial intervenes with the regeneration process. Materials implanted into the bone will, nevertheless, cause local and systemic
biological responses even if they are known to be inert. Host responses with joint replacement
and fixation materials will initiate an adaptive and reactive process [1].
The objective of this article is to review the tissue response to biomaterials implanted into
the bone for a better understanding of interactions of the hard tissue and the implant. Metals,
ceramics, and polymers and/or their composites and coatings are evaluated for their tissue response. The spectrum of response with metals lies between aseptic loosening and carcinogenesis.
Ceramics, on the other hand, may cause a nonspecific inflammation and bone marrow depletion.
Hydroxyapatite and calcium phosphate particles are shown to be capable of stimulating the
expression and secretion of cytokines and proteases that enhance bone resorption. Polymethylmethacrylate and polylactide and/or polyglycolide materials are frequently used polymers in
hard tissues. Extensive research on improving the biocompatibility of these polymers used in
clinical applications is going on. Various factors such as the type, structure, origin, and composition define the foreign body reaction toward the polymer. Polyhydroxybutyrate (PHBV) seems
to cause a milder tissue response when compared with other polymers. Implants of metal should
be of low profile, and their properties should be improved to overcome wear debris. Less use
of metals for bone and joint replacement in the future is expected.
1
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II. METALS
A. Biocompatibility
Metals have been used successfully for decades in fracture fixation and joint replacement. Mechanisms of implant failure were recently the target of intensive research as longevity and expectations from such implants are increasing [2,3]. An estimated 11 million people in the United
States reported having at least one medical device in 1988 [3]. Fixation devices and artificial
joints comprise 44% of all medical devices. The percentage of usage of fixation devices and
artificial joints with one or more problem were 33.2 and 31.6%, respectively [3]. The demand
for such medical device implants is expected to increase in the coming years.
Currently used metal implants are expected to be inert when implanted into the human
bone. They are supposed to be bioactive as their surfaces are porous or coated. Metallic fixation
devices are usually used alone, whereas artificial joints can comprise several parts other than
metal including polymer and ceramic. If only metal has been used as in the case of uncemented
endoprostheses, in a young and active patient, the head of the prosthesis may be bipolar. Cemented prostheses once again became popular using the third generation cementing techniques
(i.e., medullary plug, centralizers, viscous cement, pressurising). It is obvious that the rate of
complication will increase as the number of materials used in an artificial joint increases. The
type of metal, manufacturer and its standards, alloy, composition, processing conditions, and
mechanical properties influence the interaction of metal and the bone. Stainless steel, cobalt,
titanium, and their alloys are widely used in the production of artificial joints and fixation
devices. The advantages of titanium over cobalt alloys are lower modulus of elasticity and higher
biocompatibility [4]. The rate of reaction toward metals is more severe in artificial joint surgery
than fracture fixation as motion in the prior and immobilization in the latter are the ultimate
aims.
Long-term stability is closely related to bone–implant integration. Bone cells mediate
initial response to the implant. The interaction between osteoblasts and biomaterial surfaces was
evaluated extensively. Response of osteoblastic cells toward commonly used titanium and cobalt
alloys revealed cellular extension on both alloys during the first 12 h [5]. Osteoblasts spread
relatively less on rough titanium alloy than cobalt alloy. Vinculin immunostaining at focal
adhesion contacts distributed throughout the cells adhering to titanium alloy, but were relatively
sparse and localized to cellular processes on cobalt alloy [5]. Cell attachment was directly to
implant materials through integrins [6]. Thus, the initial interaction between the implant and
surrounding bone might differ to the origin of osteoblastic cells [7]. Both titanium and cobalt
alloys demonstrate good biocompatibility [8]. Osseointegration was less on cobalt alloy surfaces
though cartilage, and osteoid tissue was observed more frequently on the cobalt alloy than on
the titanium alloy surface [8]. Cobalt alloys were also presented to release large amounts of metal
ions, which could mediate cytokine release and hypersensitivity reaction [9]. Osseointegration
established extensively when titanium was implanted into bone marrow [10]. Thus, some bone
marrow cells formed an incomplete layer in contact with the titanium implant and presented
morphologic characteristics of macrophages and multinucleated giant cells [10].
Implant wear is identified as the most important cause of aseptic loosening in artificial
joint surgery [11–16]. Generation of wear debris and the subsequent tissue reaction to it are the
major concerns of this type of surgery. Particles of wear debris of bone cement, polyethylene,
and metal itself initiate an inflammatory reaction that induces bone resorption and implant
loosening [17,18]. Metal debris is produced as a result of adhesive, abrasive, or fatigue (also
known as delamination) wear. Corrosion is another mechanism that can generate debris. Wear
and corrosion may couple their effects. Debris is most commonly produced at the articular
surface, modular implant junction, and various interfaces such as the implant–bone, implant–ce-
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ment, and cement–bone. The amount, chemical composition, and physical aspect of wear debris
identify the type and feature of tissue reaction [19]. Debris particles elicit a cell-mediated inflammatory response that results in either a foreign body giant cell granuloma or a massive release
of osteolytic factors affecting bone biology and metabolism [20]. Release of chemokines by
macrophages in response to wear particles may contribute to chronic inflammation at the
bone–implant interface [21]. A study with x-ray scanning analytical microscopy (XSAM) revealed severe tissue damage around Ni and Cu implants, while fibrous connective tissue was
formed around the Fe implant [22]. Wear particles induce endotoxins responsible of adverse
tissue response that can be controlled prior to implantation [23].
Clinical features of aseptic loosening in artificial joints are pain and loss of range of motion.
Radiography reveals osteolysis at the bone–implant interface. Osteolysis can be recognized with
cemented and uncemented implants. Osteolysis may be asymptomatic in some patients with
uncemented implants, demonstrating that osteolysis alone may not be of clinical importance
and a sign of loosening. Osteolysis is known to increase with years of follow-up in cemented
[24] and uncemented implants [12,25]. In cemented implants, osteolysis may vary according to
the type of cement and application procedure. Effect of bone cement on bone will be discussed
in coming sections. It was found that most of the debris belonged to the ultra high molecular
weight polyethylene (mean size, approximately 0.5m) of the acetabular cup in loose, uncemented artificial hip joints [26]. In cemented artificial hip joints, wear particles arise from the
bone cement itself, acetabular cup polyethylene, and metal, respectively [24]. Metal and polymer
particles initiate the complex, biomaterial-initiated osteolytic and/or adaptive cascade (Fig. 1)
in a size- and dose-dependent manner [15]. Metal particles are also defined to cause apoptosis
in cells of tissue around the implant [27]. Numerous macrophages, foreign body giant cells,
and fibroblasts generally surround abundant particle debris [16]. Phagocytosis of debris by
macrophages may serve as a stimulus for cellular activation with synthesis and secretion of
bone-resorbing factors. Such factors include proinflammatory mediators interleukin-1 (IL-1)
[28,29], interleukin-4 (IL-4) [30], interleukin-6 (IL-6) [28,29,31], interleukin-8 (IL-8) [32], granulocyte macrophage colony stimulating factor (GM-CSF) [30], tumor necrosis factor-␣ (TNF.␣), and prostaglandin E2 (PGE2) [28,29,33,34]. mRNA levels of inducible nitric oxide synthetase
(iNOS) and cytosolic phospholipase A2 (cPLA2) together with TNF-␣ were up-regulated in
uncemented implants [35]. Interleukin-4 was found to down-regulate particle-induced activation
of macrophages [30], whereas titanium particles up-regulated the expression of matrix metalloproteinases stromelysin and collagenase in fibroblasts [28]. Nitric oxide [36] and cyclooxygenase
2 (COX-2) [13] play important roles in wear debris. Thus, nitric oxide production at titanium
surface was not detected in one study [37]. Release of selected chemokines (MCP-1, MIP1␣, and RANTES) was found to initiate macrophage accumulation around wear debris [21].
Macrophage subgroups interact differently to polyethylene and titanium implants. Macrophages
positive for ED-1 are involved in the tissue response of polyethylene and titanium [38]. Chemokines and cytokines mediate inflammation [39]. Mononuclear osteoclast precursors, stimulated
by monocyte colony stimulating factor (M-CSF), initiate osteoclastic activity, and bone resorption begins. One article also demonstrated that even osteoblasts that become positive for macrophage marker CD68 might play a role in periprosthetic bone resorption [40]. Osteoblasts present
phenotypic differentiation depending on the chemical composition of the debris particles [15].
Particles are usually found in the cytosol of the cells following phagocytosis. Osteoblasts present
extensive ruffled cell membranes, less developed endoplasmic reticulum, swollen mitochondria,
and vacuolar inclusions [15].
Metallic particles and their side effects are not only limited to the peri-implant site; they
are also found in other organs, such as the peripheral blood, liver, spleen, and lymph nodes
[41]. Metallic particles in the liver or spleen were more prevalent in patients who had had a
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Figure 1 Metal implant–hard tissue interface and the biomaterial-initiated osteolytic and/or adaptive
cascade.

failed arthroplasty. In one living patient, dissemination of titanium particles from a hip prosthesis
with mechanical failure was associated with visceral granulomatosis reaction and hepatosplenomegaly, which required operative and medical treatment [41,42]. Even in well-functioning
prostheses the serum and urine concentrations of titanium and chromium were found to be higher
than in the normal population [12]. Serum levels of bone-resorbing cytokine GM-CSF level
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increased significantly in patients with aseptic loosening of hip prostheses [43]. Patients having
revision arthroplasty of the hip presented increased chromosome translocations and aneuploidy
in their peripheral blood [44]. Although intraarticular testing of titanium and chromium alloys in
rats revealed no local tumor development [45] a study of 12 cases on orthopedic implant–related
sarcoma revealed using metallic implants as artificial joints might lead to severe end results
[46]. Two of the high-grade sarcoma of Keel’s study were located in the soft tissue and 10
in bone [46]. Seven patients were reported to develop osteosarcoma, four malignant fibrous
histiocytoma, and one a malignant peripheral nerve sheath tumor. Alloys that contain nickel
had higher carcinogenic and toxic potencies [47]. One important aspect of sarcoma arising from
artificial joints is the differential diagnosis of infection. Chronic and long-lasting infections may
trigger sarcoma. Aggressiveness, high-grade, and metastasis of sarcoma arising from artificial
joints need precaution and awareness of the symptoms. Further studies related with this severe
complication are essential. It is recommended that surgeons should (1) select prostheses with
minimal susceptibility to metal corrosion and wear, (2) replace implanted prostheses when there
is evidence of corrosion and mechanical failure, (3) carry out epidemiological studies to quantify
cancer risk in patients with various types of metal implants, and (4) improve in vitro assays for
carcinogenicity of alloys intended for use in bone tissue [48].
B. Effectiveness of Metal Coatings
Coatings or ion implantation [49–51] are usually used to improve the biocompatibility of implants and decrease metallic wear and corrosion. Rough [52] or porous [53] surfaces allow cell
attachment. One simple method to allow tissue ingrowth into the implant is to modify its surface
by implanting spherical beads [54] or wire mesh. Though manufacturers’ manuals indicate these
surface modifications allow bone cells to grow into the implants and increase their mechanical
strength and biocompatibility, longitudinal, randomized, prospective clinical studies with longterm follow-up are lacking. A case report concerning bone ingrowth in a porous-coated knee
arthroplasty revealed that the prosthesis was held in situ by collagenous tissue, and calcified
bone did not appear to interact with the metallic coating [55]. One in vitro experimental study,
on the other hand, revealed that rough Ni-Ti surface promoted transforming growth factor beta
(TGF-␤) expression, a mediator of bone healing and differentiation [56]. Another autopsy study
of five femurs indicated that circumferential porous coating of uncemented femoral components
could prevent distal migration of polyethylene wear debris. [57].
An alternative method is the use of biocompatible chemicals [58] and materials such as
ceramics for coating. Titanium surfaces were modified using phosphoric acid in an in vitro study
to improve the biocompatibilty of dental implants. Results indicated that pretreatment of the
implant with phosphoric acid caused no cytotoxicity to the osteoblasts [59]. Micro arc oxidation
method in phosphoric acid on titanium implants provided chemical bonding sites for calcium
ions during mineralization [60]. Hydroxyapatite (HA) coating is a proven method to improve
the implants’ mechanical bonding [61,62] and biocompatibility [63–66]. It is demonstrated that
when the gap between the coating and bone is 1.0 mm or less, mechanical attachment strength
and bone ingrowth increase significantly at all time periods [63]. Alkaline phosphatase activity,
a marker of osteogenic activity, increases significantly with respect to the uncoated titanium in
hydroxyapatite-coated implants [65]. The quality and thickness of coating may vary between
manufacturers, and thick coatings on metal surfaces are prone to delamination [67]. Bone ingrowth and attachment mainly take place on the distal and medial parts of the HA-coated surface
of femoral implants [64].
Hydroxyapatite coating may lead to the attachment of other cells than osteoblasts. Hydoxyapatite coating increases susceptibility to contamination of bacteria [68]. Hydroxyapatite coating
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may also increase the risk of heterotropic bone formation [69]. One recent study thus indicated
that HA coating of implants could prevent distal migration of polyethylene wear debris as the
tightly bonded bone on the surface of the implant will form a seal and inhibit peri-implant
migration of polyethylene particles [70]. On the other hand, when particles arise from the HA
coating and migrate into the joint space, the risk of polyethylene wear might increase [71].
Careful follow-up of patients with HA coating is therefore recommended [72]. Fibronectin [73]
or type I collagen [74] coating of titanium alloys increased cell binding and osseointegration.

III. CERAMICS
Ceramics used in orthopedic surgery and traumatology as bone tissue substitutes are mainly of
hydroxyapatite, tricalcium phosphate (TCP), or glass ionomer origin [75,76]. Ceramics can be
categorized as (1) fast-resorbing, (2) slow-resorbing, and (3) injectable ones [77]. Ceramic
composites have found their place in promoting healing of bone in clinical practice alone or in
combination with other materials with their osteogenic, osteoconductive, and/or osteoinductive
properties [78–81]. These ceramics can also be used as carriers of bone cells, growth factors
[82–85], or drugs [86] such as antibiotics [87,88] and anticancer medicine [89]. Advantages of
ceramics over metals are their favorable bioactivity and interaction with the host tissue. Bioactivity of ceramics is mainly limited to osteoconduction as long as they do not carry cells and/or
growth factors. Thus, clinical and basic research results lack a detailed understanding of these
materials’ exact biological effects [90].
The ultimate aim of porous degradable ceramics implanted into bone is natural organ
replacement at load-bearing or void-filling sites [91,92]. Normal tissue interacting with these
ceramics is supposed to replace the implant in time. Tricalcium phosphate is known to degrade
more rapidly than HA and is used in non-weight-bearing sites. The degradation rate of HA and
TCP may change depending on the manufacturer, pore size, porosity, composition, and sintering
temperature. The rate of degradation per year of TCP and HA is about 35 and 1–3%, respectively

Figure 2 From left to right: control, allogenic bone chips, natural apatite ceramic, synthetic hydroxyapatite, and calcium carbonate implantation into the mandible of mongrel dogs. (A) cavities opened in the
mandible; (B) biomaterial implantation; and (C) macroscopy at 4-week follow-up. Also note periosteal
reaction at sites where biomaterials were in contact with the implants.
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[93]. One recent study, however, indicates that TCP degradation does not occur even after 6
months and a thin fibrous layer surrounds the nonloaded ceramic at all times [94]. Mechanical
properties of hydroxyapatites in general were superior compared to TCP. However, bending
and torsional stresses may fracture HA easily [95].
Apatite ceramics of natural and synthetic origin, allogenic bone chips, and calcium carbonate are also frequently used in dentistry. One study [96] compared the effects of these ceramics
in defects created in the mandible of mongrel dogs (Fig. 2). The results of that study indicate
in 1 week natural apatite of coral origin established loose connective tissue with some osteoblasts
adjacent to it (Fig. 3). Natural apatite resorbed in 4 weeks leaving its place to bone trabecules.
Active osteoclasts were observed in the newly establishing Haversian system. Foreign body
reaction and inflammation was not observed with natural apatite. Only granules detached from
the coral elucidated fibrous encapsulation and osteoclastic activity. In 1 week, calcium carbonate
disappeared totally leaving a cavity of granulation tissue. Some osteoblasts were observed at

Figure 2 Continued.
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Figure 3 Natural apatite of coral origin. (A) Cellular connective tissue (CT) in between cortical bone
(CB) and implant containing minimal osteoblasts at week 1. Arrow indicates voids of cavities belonging
to the implant. Massons Trichrome 40⳯. (B) Voids of implant surrounded by fibrous connective tissue.
HE 40⳯.
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the bone–cavity border. In 4 weeks, the granulation tissue was replaced by dense connective
tissue. Findings were inferior with calcium carbonate than coral apatite. Dense connective tissue
also established with synthetic apatites; however, osteoblastic activity with these ceramics at
the implant–bone interface was better than that of calcium carbonate. Thin new bone trabecules
were surrounding the synthetic HA in some locations. Synthetic HA presented a favorable bonehealing sequence, with no foreign body reaction and osteoclasts at 1 week when compared to
the other materials (Fig. 4). New bone did not grow well in cavities where allogenic bone chips
were implanted. Bone healing was always from the peripheral to the central part of the implant.
All implants presented an osteoconductive property. Reaction to these implants by bone was
limited probably due to the dense cortical structure of the mandible. Best results were attained
with natural apatite followed by synthetic apatite (Fig. 5). Allogenic bone chips and calcium
carbonate followed (Fig. 6) these two materials in effectiveness means of bone healing. Hydroxyapatite particles in the periosteum elaborated a significant osteoclastic activity (Fig. 7) [96].
Thus, bone healing of the mandible is known to be significantly better than of the femur of
rabbits [97].
Ceramics, so far, have been identified as compatible and biologically active materials.
They are not toxic and do not cause cell death at the surrounding tissue. Biological response to
these ceramics follows a similar cascade observed in fracture healing. This cascade includes (1)
hematoma formation, (2) inflammation, (3) neovascularization, (4) osteoclastic resorption, and
(5) new bone formation. Surrounding tissue is supposed to replace these ceramics as they degrade
(Fig. 8A and B). A fibrous tissue capsule rarely occurs, and an interfacial bond between the ceramic
and the bone is established [98]. Particle size is one important factor in ascertaining the ostogenesis with ceramics [99]. Recent research, however, demonstrates that these materials can also
induce an early and nonspecific inflammatory reaction (Fig. 9) followed by cellular depletion
(Fig. 10) when implanted into the bone marrow [100,101]. This early response was found to
subside in about 14 weeks [102]. It can be concluded that the marrow [103] and soft tissues
[104] are more sensitive to ceramic implantation than the cancellous and cortical bone sites.

Figure 4 Synthetic hydroxyapatite (HA). Favorable healing sequence without osteoclasts at week 1.
Hydroxyapatite granules are surrounded by dense connective tissue (CT). HE 400⳯.

10

Korkusuz and Korkusuz

Figure 5 Synthetic hydroxyapatite. (A) New trabecular bone (arrows) healing at week 4. Arrows indicate
the new establishing Haversian canals. HE 40⳯. (B) Osteoblasts and osteoclasts (arrows) can be seen
around the new bone trabecules. HE 10⳯.
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Figure 6 Allogenic bone chips. Dense connective tissue (CT) can be observed in close contact with the
new bone trabecules. Trichrome 40⳯.

Figure 7 Hydroxyapatite particles in the periosteum elaborate significant osteoclastic activity. HE 100⳯.
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Figure 8 Implantation of porous HA particles into the bone marrow site of rabbit tibia. (A) Establishment
of the unicortical aperture and (B) porous HA particles placed into the bone marrow and cortical defect
site.
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Blood cells and osteoblasts are among the first cells to react to the implanted ceramic [105].
Ceramic particles do also interact with monocytes [106,107], and they are capable of stimulating
the expression and secretion of cytokines and proteases that enhance bone formation and/or
resorption [108]. Macrophages are presented to be the major infiltrating cells when HA and
TCP are implanted [109]. These cells secrete HⳭ and degrade the ceramics [109]. Aluminumcontaining ceramics, furthermore, significantly increase catalase activity and lipid peroxides in

Figure 9 (A) Nonspecific inflammation after 1 week following implantation of porous HA particles into
the bone marrow. HE 10⳯. (B) A few giant cells were present in the inflammation area. HE 400⳯.

14

Korkusuz and Korkusuz

Figure 10 Bone marrow depletion at the porous HA particle implantation area at week 2. Note the
fattylike appearance of the marrow. HE 100⳯.

macrophages and may elaborate free radicals. Interleukin-1, IL-6, and TNF-␣ secretion increases
in human fibroblasts with HA particles. The action of HA particles was found to be at the level
of transcription of such mediators. Gelatinolytic activity of the fibroblasts also increased with
HA particles [108]. Hydroxyapatite sintered at low temperatures was found to cause more toxicity
than that of HA sintered at higher temperatures [107]. Thus, new production methods of bioactive
ceramics are under investigation [110] to overcome the toxicity problems. Toxicity of ceramics
also depends on their solubility [111]. Natural ceramics are presented to be more effective in
attracting cells and favoring their proliferation than synthetic ones [112]. Large amounts of
mineral powder may also down-regulate osteogenic markers such as alkaline phosphatase activity
and osteocalcin release (Fig. 11) [113].
Bone mineral density gradually increases after HA implantation [114,115]. Thus, the mechanical properties of HA-implanted bone differ from those of a normal bone. Stiffness properties
of HA-implanted bone in compression do not change significantly throughout the healing process. The pattern of fracture in a defect-created control and HA-implanted bone differ from
each other. The HA-implanted bone fractures from its end plates revealing a stiffer area at the
implantation site that prevents the propagation of a longitudinal fracture. Control bone with the
defect created, however, fractures longitudinally as the defect itself creates a weak point that
allows the fracture to pass through it. A gradual increase in stiffness is also observed with HAimplanted bones in three-point bending [115]. One other study [116] also indicated that HA
implantation increased the torsional stiffness of bone. Healing progress of HA and HA/TCP
composite–implanted bones in load-bearing segmental defect sites was evaluated by modal
analysis [95]. Resonant frequencies yield comparable results with the three-point bending tests
at the early stages of healing. As the flexural resonant frequency is proportional with the square
root of the stiffness of the structure and square of the length of the structure, it is recommended
not to use this method in later stages of healing due to callus formation. Hydroxyapatite and
HA/TCP-implanted bones gained 30% of impact strength of normal bone at 18 weeks. Mechani-

Hard Tissue–Biomaterial Interactions

15

Figure 11 Ceramic implant–hard tissue interface.

cal vibration analysis results were in accordance with the results of bending tests. Results of
mechanical testing of ceramics implanted into load-bearing sites indicate the need for advancement of mechanical properties of such implants [95].
The osteoconductive performance of ceramics in vivo mainly depends on the contact area
of the implant and the living bone (Fig. 12). Mineralization is presented to directly start on the
implant surface of macro- and micropores [117]. Needlelike new microcrystals form at the
micropores of the ceramics [118]. There might be a delay in the calcification process due to
the initial bone marrow depletion and mineralization-related increase in cellular matrix vesicles
that is observed after 6 days of ceramic implantation [100]. A gap more than 50 m between
the ceramic and bone may cause fibrous encapsulation. An ultrastructural study demonstrated
an organized network of collagen fibers between the bone and ceramic. These fibers mineralized
subsequently. A 50 to 600-nm-wide collagen-free granular deposition was also observed on the
ceramics [119]. This unmineralized zone was measured as at least 600 m in another SEM
study [120]. New bone between the implant and ceramic is of normal lamellar type [121]. A
light and laser scanning microscopy study revealed mineralized bone apposition directly on HA
[122]. In unmineralized parts osteoid interposition was observed. A thin layer of fluorescent
material was also observed at the interface [122].
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Figure 12 Favorable bonding of porous HA ceramic and cortical bone. SEM 1400⳯.

Porous structure and pore sizes ranging from 100 to 400 m enhance bone ingrowth rate
[123,124]. Mechanical properties of the ceramic decrease as the pore size increases. When
osteoblastic cells were cultured with HA these cells spread quickly on the ceramic [125], then
stopped spreading 12 h after cell seeding [126]. Results of in vitro studies may differ from those
of in vivo studies where the osteoblastic activity increases at 2 weeks [127]. Other factors, such
as surface roughness and reactivity of the ceramic, are determinants of cell adhesion, proliferation, and differentiation [128]. Adhesion and detachment strength of cells increase as surface
roughness increases [129]. One should keep in mind that the reactive and adaptive response
(Fig. 13) of the host may differ between humans and other species [130]. The blood circulation of
the ceramic implantation site and interventions such as irradiation may also alter these responses
extensively [131].
Adding cells [132–137] or bioactive materials, such as BMP, to the ceramics can enhance
bone integration. The origin of cells found in the ceramics needs to be clarified when cellcontaining ceramics are implanted into bone. It is not known whether the cells implanted with
the ceramic can survive and advance osseointegration or if they go through an apoptotic cascade.
Cells in ceramics may also migrate from the hosting bone tissue. Thus, studies reveal that adding
osteogenic cells advanced the osseointegration of porous ceramics [134,138]. Although organic
matrix and bone mineral deposition are presented in osteoblasts in direct apposition to HA [139],
another study revealed that ceramics had an inhibitory effect on growth of these cells [140].
These studies elaborate the necessity of further research on cell and ceramic interactions. Interconnections between the host responses to the biomaterial and transplanted cells are stated to
determine the biocompatibility of the implant [141].
Glass ionomers improved the mechanical properties and biocompatibility of ceramics used
in the medical field. These special types of ceramics were also presented to enhance osteogenic
activity compared to HA ceramics alone [142]. It was found that even small amounts of glass
ionomer can effectively bind apatite particles (unpublished data) (Fig. 14). Glassceramics lead
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Figure 13 Cortical and periosteal adaptation of rabbit bone to porous HA implant. HE 40⳯.

Figure 14 Apatite-Wollastonite glass ceramic. Rods are apatite and hexagonal constituents are glass
particles. SEM 3000⳯. (Courtesy of M. Timuçin, Middle East Technical University.)
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to a more rapid bone proliferation than HA [143,144]. There was a direct bond between osteoblast
cells and mineralized layers established on the surface of the glass ceramics [145]. Glass ionomers, on the other hand, may have adverse effects on neural tissue [146]. These implants should
therefore be used with caution when implanted nearby neural tissues as in spinal surgery. Another
study with peritoneal macrophages, monocytes, and bioactive glasses revealed that these biomaterials had a moderate toxic effect on these cells [147]. Bioglass particles led to an increased
release of TNF-␣ and expression of TNF-␣ mRNA. In vivo, induced rapid bone growth appeared
to activate an autocrinelike process [147].
Ceramics, in general, are publicized as bioactive materials (Fig. 15) with minimal side
effects when implanted into the bone. They elaborate inflammation followed by depletion when
implanted into bone marrow. Giant cells and macrophages are rarely seen around the implant,
and this nonspecific early reaction does not lead to chronic inflammation. Osseointegration and
tissue ingrowth occur in porous ceramics [148]. Tissue ingrowth into the pores of the ceramic
is usually limited (Fig. 16) to its surface, and new bone formation comes to a halt in bulky and
slow-resorbing ceramics.
IV. BONE CEMENTS AND NOVEL BIOACTIVE CEMENTS
Thermal reaction during cement curing is a critical factor in the determination of cement biocompatibility. Cements with higher curing temperature may cause tissue necrosis. A synovium-like
membrane formation containing macrophages and foreign body giant cells around the cement
is usually observed following the acute inflammatory stage. Particles of polyethylene can be
found in the cytoplasm of the macrophages. Interleukin-1 and PGE2 levels increase enormously
at the bone–cement interface. It is speculated that titanium and polymethylmethacrylate (PMMA)
particles smaller than 10m are able to stimulate IL-1 and PGE2 secretion and initiate the
osteolytic process [149]. Free radicals are produced in fibroblasts by PMMA [150]. High levels

Figure 15 Porous HA-TCP ceramic implanted into a 1-cm-long critical size defect area of the weightbearing rabbit tibia. (A) A very limited fibrous encapsulation can occasionally be seen at week 1. HE
10⳯. (B) Endochondral bone formation can follow the fibrous encapsulation stage at 1 month. HE 100⳯.
(C) In 2 months, new bone formation can be observed at the margin of the implant. HE 40⳯.
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Figure 15 Continued.

of apoptosis of osteoblasts were observed with PMMA directly after polymerization [151].
Polymethyl methacrylate particles also suppressed osteoblast differentiation [152]. Additives
such as barium sulfate may cause an increase in the inflammatory response to PMMA [153].
Changing the activator in bone cements may improve their biocompatibility [154].
Attempts to decrease the curing temperature and increase biocompatibility without changing biomechanical properties of bone cements have been common in recent years [155–157].
Very low viscosity cement compositions were prepared by mixing PMMA particles with two
different molecular weights in order to achieve a proper and homogeneous distribution of HA
particles in the polymer matrix in a recent study [158]. Addition of HA into the cement in that
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Figure 16 Limited bone ingrowth on the surface of porous HA-TCP ceramic. (A) Lamellar bone formation
can be seen at the adjacent site of the ceramic in 4 months. HE 200⳯. (B) Bone ingrowth into the pores
of the composite at 4 months. HE 400⳯.
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study made workability easier by increasing viscosity. Polymerization temperature decreased
from 111 to 87⬚C. Compressive strength increased from 96 to 122 MPa, and sufficient compressive fatigue strength of 77 MPa at 106 cycles was obtained with this novel formulation. Hydroxyapatite-containing acrylic bone cements demonstrated higher mechanical strength than the reference cement [158]. In-vivo application of HA-containing cement revealed better biological
compatibility compared to currently used cements [159]. It is concluded that HA-containing
acrylic bone cement may effectively be used in the clinical field in the future. Other in vitro
studies also reveal that osteoblast-like cells proliferated and differentiated significantly better
on HA containing PMMA than PMMA alone [155]. Phenotype of cells of that study retained
up to 21 days.
Self-curing calcium phosphate cements (CPC) are novel materials of injectable form
[160–164]. These cements revealed extensive bone formation immediately after implantation
without any inflammatory tissue response [161]. Bone colonization occurred much earlier and
faster in CPC than calcium phosphate ceramics [165]. Polymers [166], gelatin [167], and collagen
[168] can be added to improve the biocompatibility of calcium phosphate cements. Chitosan
and citric acid were added to improve their biocompatibility and decrease the initial inflammatory
response of these self-curing cements [169]. Addition of 20% citric acid decreased the initial
inflammatory response, and good bone bonding was observed in that study. Preosteoblastic cells
can also be stimulated in vitro by adding TGF-␣ into calcium phosphate cement [170]. Thus,
one study found that CPC particles could adversely affect osteoblast function related with particle
size [171]. The concern on the biomechanical effectiveness and slow degradation due to the
nonporous structure of CPC still remains.

V. POLYMERS
Polymers are mainly used in fracture fixation, bone replacement, cartilage repair, fixation of
ligaments, and drug delivery. Polylactides (PLA), polyglycolides (PGA), and polyhydroxybutyrates (PHBV) are the most common types of polymers used in hard tissue engineering [172].
Material properties including type, composition, surface geometry, chemistry, porosity, and
degradation rate of polymers define their interaction with bone tissue. A larger surface area and
the addition of quinone dye are documented to increase the risk of adverse reaction. Hydrophilic
polymers need surface modification for cell adhesion and growth [173]. Degradation rate of
polymers in vivo is slower than in vitro. The first cells that interact with polymer are generally
of mesenchymal origin (Fig. 17). Mesenchymal cells use fibronectin to anchor to collagen in
the extracellular matrix. Tissue transglutaminase (tTG) that binds with high affinity to fibronectin
has recently been used as a surface coating to enhance biocompatibility of polymers [174].
Integrins, small proteins of the extracellular matrix, will act on these cells to initiate the biological
response. Protooncogenes c-fos, c-jun, and zif/268, on the other hand, will activate osteoblasts
following mechanical stimuli [175]. The following events of cellular and humoral mechanisms
in hard tissue–implant interaction are identical with other materials. The first cells that interact
with polymers of lactic acid in culture were granulocytes, monocytes, and lymphocytes [176].
Fibroblasts were the ancestors of the first cells forming fibrous encapsulation. Macrophages
predominated around polymers between 12 weeks [177] and 4 years [178] depending on the
degradation profile of the implant. The severity of tissue reaction may increase when polymers
are implanted into or close to immunologically more active sites such as the synovium of a
joint [179]. Implantation depth in intra-articular applications is a critical point [180]. In PGA
devices, monocytes and lymphocytes dominated the inflammatory response. DNA synthesis was
not induced, but major histocompatibility complex II (MHC-II) antigen and IL-2R activation
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Figure 17 Polymer–hard tissue interface.

marker expression were seen when monocytes were cultured on these implants. These findings
suggested that PGA in cell culture is relatively inert; however, it can still induce inflammatory
mononuclear cell migration and adhesion leading to a slight nonspecific lymphocyte activation
[181].
Interaction of polymers with bone cells is usually studied in culture. Screening implant
toxicity using osteoblastic cells became an integral part of biocompatibility testing. In vitro
studies with rat marrow–derived stromal osteoblasts revealed decreases of number of cells,
mineralization, and [3H]-thymidine incorporation with an increase of the concentration of polymer particles [182]. That study also suggested those polymeric particles may affect the bone
remodeling process.
Foreign body reaction toward polymers is well documented in experimental and clinical
studies [183,184]. The predominating signs of reaction after polymeric implant application are
sterile drainage and osteolysis around the implant. One study [184] of patients operated on with
bioabsorbable PLA fixation devices revealed a reaction in 107 out of 2528 patients. Average
time from surgery to reaction was 11 weeks. Polyglycolic acid elicited a reaction 4.3 years after
surgery in a single case. The severity of the reaction varied from a painful erythematous papule
to sinus discharge with extensive osteolytic lesions. The histological picture was that of a nonspecific tissue reaction [184].
An other approach in dentistry also revealed foreign body granuloma with polymers following replacement of the hard tissue [185]. Two out of 27 patients required surgical drainage and
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debridement following a destructive and nonspecific foreign body reaction encountered with
absorbable rods used in foot surgery [186]. Recovery rate and time were inferior with PGA than
metallic rods used for the fixation of distal radial fractures [187]. Eighty-three patients with
malleolar fractures were treated with polymeric screws, on the other hand, and none of them
presented any early or late drainage due to the polymeric implant [188]. Concerns on biodegradable rod fixation include the demanding technique and postoperative instability [189]. Reaction
toward the polymer increases when the size of the implant increases. Fibrous encapsulation,
lymphocyte infiltration, and giant cells and plasma cells surrounding the intramedullary-inserted
polymeric rod were predominating the histological picture at 30 months in an experimental
study where 21 adult female sheep were used [190].
Poly(caprolactone) (PCL) is another type of polymer used for bone tissue engineering.
Studies with PCL revealed bone marrow cells on this implant did not show alkaline phosphatase
activity [191]. Foreign body reaction toward PHBV implants was also not persistent (Fig. 18)
[192]. Connective tissue cells surrounded PHBV. On week 1, a thick and highly cellular layer
consisting of fibroblasts and mononuclear phagocytic cells surrounded the polymers (Fig. 19).
Giant cells were observed in limited areas. On weeks 3 and 6, the fibrous layer became thinner
and allowed interaction between the implant and neighboring bone in some locations (Fig. 20).
The number of macrophages decreased on week 6. Osteoblasts replaced the fibroblasts and
macrophages. One other implant, the calcium phosphate/gelatine composite, eroded tissue response when implanted into bone [193]. Connective tissue was replaced by new bone trabecules.
Stages of tissue reaction to polymers can be summarized as (1) early stages: thin connective
tissue encapsulation with few lymphocytes (Fig. 21), (2) middle stages: fibroblasts within denser
connective tissue (Fig. 22), and (3) late stages: giant cells and macrophages clearing material
particles (Fig. 23).
Adding alkaline salts or antibodies of inflammatory mediators into implants was recommended to decrease the side effects of polylactides [175]. Calcium acetate as soluble salt filler
[194] or cross-linking of polypropylene fumarate with ethyleneglycol dimethacrylate [195] was
also proposed to increase the in vivo biocompatibility of bioresorbable polymers. One other
alternative proposed to lessen the inflammatory response is the addition of bone morphogenic
protein into the polymer [196]. Synthesis of polymers, processing them into implants, and sterilization modalities need to be improved to overcome the tissue reaction problem [197,198]. Long
shelf-life may also alter biomechanical and chemical properties of polymers.
The rate of failure of loss of fixation and bacterial wound infection with polymeric rods
is given as 4% each [199]. The number of sites where polymeric implants are used in the human
body is increasing as their biocompatibility is increasing. Anterior cruciate ligament fixation,
cartilage and meniscal repair, rotator cuff repair with anchors, and capsule repair of the shoulder
with biodegradable polymeric implants besides fracture fixation are increasing [183,200]. Degradation rate of polymers can be adjusted according to the requirements of the bone tissue. Tissue
response to degradable polymers will frequently cause fibrous encapsulation. This encapsulation
can be less with comparatively more biocompatible polymers such as PHBV. The degradation
process will be mediated through macrophages and giant cells. Improving mechanical properties
of polymers without altering the acceptable host response is a novel research field. Changing
the chemical composition of the implants from acidic to neutral pH will improve their biocompatibility.
VI. CERAMIC/POLYMER COMPOSITES: THE FUTURE
Advantages of ceramics and polymers are combined in recent studies. Ceramic polymer composites are used as bone graft substitutdes in some cases [178,201–205]. They are also used in a
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Figure 18 Polyhydroxybutyrate (PHBV) implantation into rabbit bone.

gene therapy approach to bone regeneration [206]. In these composites, polymer and ceramic are
supposed to mimic the bone collagen and mineral, respectively. Cells seeded on ceramicpolymer
matrices are presented to retain their characteristic morphology and grew in a multilayer fashion
[207]. Hydroxyapatite particles in polymer appeared to provide an anchor for the attachment of
cells [202]. Apatite crystals, furthermore, kept the pH of the environment within the physiological
range. Acid reaction around the implantation site with PLA and PGA implants can be prevented
when polymers are used together with apatites [203]. Thus, a strong inflammatory response was
seen according to the degradation of the polymer at 24 months even when they are integrated
into the composites [178]. It is concluded that the balance between the polymer and ceramic is
delicate and chemical events and cellular reaction during polymer degradation may counteract
complementary bone ingrowth [208].
The future of hard tissue engineering lies between the appropriate composition of a fascilitating matrix, mediators, and osteogenic cells [209,210]. The need to create a tissue close to
the original tissue is essential. Tissue engineers should keep the elastic and rigid properties of
bone in mind and seek for a better matrix with equal biomechanical properties of the original
tissue. Cortical and cancelleous replacement of bone can be evaluated separately. Growth factors
act in a dose- and time-dependent manner. Appropriate growth factors during each phase of
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Figure 19 Fibrous encapsulation of gentamicin containing PHBV implant. (A) Thick and cellular connective tissue layer surrounds the implant in week 1. Massons Trichrome 400⳯ (B) Few macrophages are
still present on week 3 (I⳱implant). HE 40⳯. (C) Inflammatory cells invading the cavities of PHBV.
Massons Trichrome 400⳯.

healing should be delivered to the tissue. Cells capable of proliferating and differentiating at
the implanted site should be identified. In vivo implantation effects will overlap with the ongoing
response of the host indicating that all delivered material, cells, and growth factors may be
inhibited. Phenotypic and genotypic characteristics of progenitor cells and growth factors that
affect bone formation and remodeling need to be clarified before success. One other important
aspect is the monitoring of tissue–implant interactions on site. Radiography is the conventional
method of metal monitoring. Other techniques including bone scintigraphy (Fig. 24), bone mineral density measurements, quantitative computerized tomography, and magnetic resonance im-
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Figure 19 Continued.

Figure 20 New bone formation within the anastomosing bony trabecules is demonstrated in the PHBV
polymer. Massons Trichrome 400⳯.
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Figure 21 Calcium phosphate/gelatin composite as bone substitute. (A) Degrading polymer particles into
the surrounding soft tissue at week 1. HE 100⳯. (B) Foreign body reaction toward the polymer is minimal.
HE 100⳯.

aging methods are advancing. In vivo physiological changes are now prone to monitoring using
magnetic resonance. Advanced magnetic resonance techniques may be used to monitor degradable or non degradable implants in vivo in the near future.
VII. CONCLUSION
The number of surgeries using implants of biological origin is expected to increase in the near
future. Implants of metal should be of low profile, and their properties should be improved to
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Figure 22 Calcium phosphate/gelatin composite as bone substitute. (A) Connective tissue surrounding
the implant became denser in week 2. HE 400⳯. (B) Endochondral bone formation can be observed at
week 3. HE, 100⳯.
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Figure 23 Calciumphosphate gelatin composite as bone substitute. (A) New bone formation is observed
in week 4. HE 40⳯. (B) Calcium phosphate particles belonging to the implant are surrounded by numerous
macrophages. Massons Trichrome 400⳯.
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Figure 24 Tc-99m bone scintigraphy in HA-implanted rabbit tibia. Quantitative analysis was possible
in monitoring tissue integration and bone healing.

overcome wear debris. It is obvious that less metal will be used in the future. Improving methods
of production, processing, and sterilization should decrease the adverse response to ceramics
and polymers. New materials should undergo a set of well-defined immunological tests to better
understand their biological response before they are introduced into clinical use.
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I. INTRODUCTION
Titanium and its alloys are the most suitable materials for structural biomaterials among
metallic biomaterials. Nowadays, Pure Ti and Ti-6Al-4V ELI are the most widely used in
the biomedical fields. However, for replacing failed hard tissue, the strength of pure Ti is
not sufficient. For Ti-6Al-4V ELI, V has been pointed out to be toxic [1]. Therefore, V-free
titanium alloys such as Ti-6Al-7Nb, Ti-5Al-2.5Fe, etc., have been developed for biomedical
applications [2,3]. These alloys are certainly applicable for replacing failed hard tissue.
Very recently, stress transmission between hard tissue and biomaterials is getting
attention from the point of view of bone absorption. That is, when the stress transmission
between bone and biomaterials is insufficient, bone absorption occurs. In general, the rigidity
of metallic biomaterials is much greater than that of bone, as shown in Fig. 1 [4] Among
the metallic biomaterials, the rigidity of Ti-6Al-4V ELI is much lower than that of stainless
steels or Co-Cr type alloys for biomedical applications. However, the rigidity of Ti-6Al-4V
ELI is still much greater than that of bone. Therefore, the research and development of low
rigidity titanium alloys were started in the United States.
Demand for low rigidity titanium alloys is increasing based on these backgrounds.
Therefore, the research and development of low rigidity titanium alloys for biomedical
applications will be described in the present chapter.
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Figure 1 Elastic moduli of UHMW polyethylene, PMMA bone cement, bone, Ti-6Al-4V, 316L stainless
steel and Co-Cr-Mo alloy.

II. REPORTED REPRESENTATIVE TITANIUM ALLOYS FOR BIOMEDICAL
APPLICATIONS
Titanium alloys for biomedical applications which have so far been introduced are listed in
Table 1 [4]. This table includes both those alloys that are already licensed and implemented for
use in living bodies and those at the research and development stage, which have not yet been
licensed or implemented. The alloys are tabulated approximately in the order of their introduction. The alloys marked by a circle were developed for biomedical applications from the beginning.

Table 1 Titanium Alloys for Biomedical Applications
1.

●
●
●
●
●
●
●
●

●
●
●
●:

2.
3.
4.
5.
6.
7.
8.
9.
10.
11.
12.
13.
14.
15.
16.
17.

Pure Ti (ASTM F67–89)
Grade 1, 2, 3, and 4
Purity → Decrease (add N, Fe, and O)
Strength → Increase
Ductility → Decrease
Ti-6Al-4V ELI (ASTM F136-84, F620-87): ␣⫹␤ type
Ti-6Al-4V (ASTM F1108-88): ␣⫹␤ type
Ti-6A1-7Nb (ASTM F1295-92, ISO5832-11): ␣⫹␤ type (Swiss)
Ti-5Al-2.5Fe (ISO5832-10): ␣⫹␤ type (Germany)
Ti-5Al-3Mo-4Zr: ␣⫹␤ type (Japan)
Ti-15Sn-4Nb-2Ta-0.2Pd: ␣⫹␤ type (Japan)
Ti-15Zr-4Nb-2Ta-0.2Pd: ␣⫹␤ type (Japan)
Ti-13Nb-13Zr (ASTM F1713-96): near ␤ type (United States), low modulus
Ti-12Mo-6Zr-2Fe (ASTM F1813-97): ␤ type (United States), low modulus
Ti-15Mo (ASTM2066-01): ␤ type (United States), low modulus
Ti-16Nb-10Hf: ␤ type (United States), low modulus
Ti-15Mo-5Zr-3Al: ␤ type (Japan), low modulus
Ti-15Mo-2.8Nb-0.2Si-0.26O: ␤ type (United States), low modulus
Ti-35Nb-7Zr-5Ta: ␤ type (United States), low modulus
Ti-29Nb-13Ta-4.6Zr: ␤ type (Japan), low modulus
Ti-40Ta, Ti-50Ta: ␤ type (United States), high corrosion resistance

Developed for biomedical applications.
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Pure titanium and ␣ Ⳮ ␤ types Ti-6Al-4V ELI and Ti-6Al-4V were originally designed
for use as general structural materials, especially for aerospace structures and were only later
adopted for biomedical applications. However, the toxicity of the ␤ stabilizing element of V
was later pointed out [1]. Therefore, V in the Ti-6Al-4V has been replaced by other ␤ stabilizing
elements such as Fe or Nb, both of which are considered to be safer for biomedical use compared
to V. Subsequently, ␣ Ⳮ ␤ types Ti-5Al-2.5Fe [5] and Ti-6Al-7Nb [6] have been developed.
Ti-5Al-2.5Fe has been registered only in ISO standardization [7], while Ti-6Al-7Nb has been
registered in both ASTM and ISO standardizations [8,9]. Based on the same concept, other ␣
Ⳮ ␤ type biomedical titanium alloys like Ti-6Al-6Nb-1Ta and Ti-6Al-2Nb-1Ta, have been
developed [10]. The latter one is said to be basically developed for the structural titanium alloy
in military use. Subsequently, ␣ Ⳮ ␤ type titanium alloys that do not contain V or Al, such as
the Ti-15Zr–based and Ti-15Sn–based alloys, were developed [11].
The elastic moduli of biomaterials have been said to be desirable to be equal to that of
cortical bone because if the elastic moduli of biomaterials are much greater than that of cortical
bone, bone resorption occurs. The elastic modulus of ␣ Ⳮ ␤ type titanium alloy, Ti-6Al-4V,
is much lower than those of stainless steel and Co–based alloys. However, the elastic modulus
of Ti-6Al-4V is still much greater than that of cortical bone. The elastic moduli of ␤ type
titanium alloys are known to be smaller than those of ␣ or ␣ Ⳮ ␤ type titanium alloys. Therefore,
mainly ␤ type titanium alloys have been developed[12–18], and most of them are aimed at a
low modulus of elasticity. For the ␤ type titanium alloys for biomedical applications, Ti-13Nb13Zr [12], Ti-12Mo-6Zr-2Fe [14], and Ti-15Mo [13] have been registered, and Ti-35Nb-7Zr5Ta [16] will be registered in the ASTM standardization. The low rigidity titanium alloys contain
a large amount of Nb, Mo, Ta, or Hf and a small amount of Zr, Fe, or Al.

III. DEVELOPMENT OF LOW RIGIDITY TYPE TITANIUM ALLOYS FOR
BIOMEDICAL APPLICATIONS
A. Alloy Design
Nontoxic metallic elements can be selected based on the reported data of cytotoxicity in pure
metals [19] and the reported data on corrosion resistance (polarization resistance) and biocompatibility in pure metals and representative metallic biomaterials [20]. It is important to select
metallic alloying elements that do not cause metal allergy [3]. Subsequently, Nb, Ta, and Zr
were selected as nontoxic and nonallergic alloying elements for Ti. Therefore, a low rigidity
Ti-Nb-Ta-Zr system ␤ type alloy with a good balance of strength and ductility is determined
to be desirable.
The alloy can be designed more efficiently by using a rationally configured alloy design
method instead of an empirical method. The d electron alloy design method [21] is suitable. It
uses the value of bond order, Bo, as the index of the bonding strength between Ti and added
elements and the value of d electron energy level, Md, as the index of the chemical stability.
Using the values of B̄o and M̄d in average composition, a B̄o-M̄d diagram can be prepared for
the various conventional titanium alloys. Each area of ␣, ␣ Ⳮ ␤, and ␤ type titanium alloys is
clearly defined on the B̄o-M̄d diagram as shown in Fig. 2 [17] The compositional direction of
B̄o and M̄d by adding Nb, Ta, or Zr to Ti is also shown in Figure 2. Entering the modulus of
elasticity at the position of each alloy in that diagram will clarify the direction of the values of
B̄o and M̄d. From the point of view of mechanical properties and processability, the position of
B̄o-M̄d has been found to be better to situate in the ␤ area near the boundary between the ␣ Ⳮ
␤ area and ␤ area. According to these concepts, the target area for B̄o and M̄d values for getting
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Figure 2 Schematic explanation of d electron alloy design method.

the desired ␤ type alloy can be indicated as the dotted area on the B̄o-M̄d diagram in Fig. 2.
Subsequently, Ti-29Nb-13Ta-4.6Zr has been determined preferable.

B. Fabrication
Ti-29Nb-13Ta-4.6Zr contains a large amount of high melting elements such as Ta and Nb. Their
specific gravity is much different from that of Ti. Therefore, the possibility of segregation of
alloying elements in ingot is high. In order to solve this problem, the levitation double melting
method is effective. The levitation double melting method using a Levicast [22] furnace is
schematically shown in Fig. 3. In this method, melted metal does not contact with a Cu mold
wall, and is stirred strongly. After the first melting, solidified ingot is cut into several pieces
and then melted again. After the second melting, homogeneous solidified ingot can be obtained.
The distribution of each element in the ingot of Ti-29Nb-13Ta-4.6Zr made by levitation double
melting is shown in Fig. 4 [23]. Each element is homogeneously distributed from the top through
the bottom of the ingot in the range of target composition.

C. Rigidity of Elasticity
Young’s moduli as rigidity of Ti-29Nb-13Ta-4.6Zr conducted with representative heat treatment
or thermomechanical treatment, and conventional ␤ type titanium alloy Ti-13Nb-13Zr and ␣
Ⳮ ␤ type titanium alloy Ti-6Al-4V, are shown in Fig. 5 [23]. Young’s moduli of Ti-29Nb13Ta-4.6Zr that are solution treated (ST), cold-rolled, or aged. are lower that those of Ti-6Al4V ELI that are solution-treated or aged (STA), and are nearly equal to those of Ti-13Nb-13Zr
that are solution-treated or aged The Young’s modulus increases as aging advances.

D. Cytotoxicity
The cytotoxicity of Ti-29Nb-13Ta-4.6Zr and conventional biocompatible pure titanium and Ti6Al-4V ELI were evaluated using the method as schematically shown in Fig. 6 [3]. The compo-
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Figure 3 Schematic drawing of Levicast process.

Figure 4 Distribution of Nb, Ta, or Zr as a function of position in ingot of Ti-29Nb-13Ta-4.6Zr (● is a
measured value).
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Figure 5 Comparison of Young’s moduli of conventional titanium alloys (Ti-6Al-4V ELI and Ti-13Nb13Zr) and Ti-29Nb-13Ta-4.6Zr conducted with various aging treatments after solution treatment. ST,
solution treated; STA, aged after solution treatment; CW, cold rolled.

nents of the alloy were extracted by putting the plate shape sample of the alloy on zirconia balls
in a chamber with culture solution and then rotating the vessel. A rotating speed was 240 rpm.
The extract periods were 7 days and 14 days. The raw extract and filtrated extract were then
prepared. The cell viability of L929 cells derived from mice was evaluated using the NR assay
and MTT assay. The results by the NR assay and MTT assay were nearly the same. Therefore,
the results of evaluation by the MTT assay are shown in Fig. 7 [23]. Ti-29Nb-13Ta-4.6Zr and
pure Ti show similar cell viability both in raw (nonfiltrated) and filtrated extracts. On the other
hand, Ti-6Al-4V ELI shows lesser cell viability comparing with Ti-29Nb-13Ta-4.6Zr and pure
Ti. In consequence, the developed alloy, Ti-29Nb-13Ta-4.6Zr, has a high bicompatibility. As
can be expected, the cell viability of extract for 14 days is smaller than that of extract for 7

Figure 6 Schematic explanation of evaluation method of cytotoxicity.
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Figure 7 Cell viability of L-929 in (a) nonfiltrated and (b) filtrated cultivate solution evaluated by MTT
method for pure titanium, Ti-6Al-4V, and Ti-29Nb-13Ta-4.6Zr.

days. Since the cell viability is higher in filtrated extract than in nonfiltrated extract, the wear
debris is apparent to reduce the cell viability.
E. Tensile Properties
The balance of tensile strength and elongation of Ti-29Nb-13Ta-4.6Zr conducted with aging
after solution treatment or aging directly after cold rolling is shown in Fig. 8 [23] with the range
of strength and elongation of conventional biocompatible Ti-6Al-4V ELI. By conducting aging
after solution treatment or thermomechanical treatment, the balance of strength and elongation
of Ti-29Nb-13Ta-4.6Zr is improved greater compared with that of Ti-6Al-4V ELI. The balance
of strength and elongation of Ti-29Nb-13Ta-4.6Zr can be controlled through heat treatment of
thermomechanical treatment, which leads to microstructural control.
F. Fatigue Strength in Air and Simulated Body Environment
S-N curves of Ti-29Nb-13Ta-4.6Zr in as-solutionized and aged conditions and Ti-6Al-4V ELI
in aged conditions are shown in Fig. 9 [23]. In the case of Ti-29Nb-13Ta-4.6Zr, S-N curves

Figure 8 Balance of tensile strength and elongation of annealed Ti-6Al-4V ELI and Ti-29Nb-13-Ta4.6Zr conducted with various aging treatments after solution treatment or various aging treatments directly
after cold rolling.
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Figure 9 S-N curve of Ti-29Nb-13Ta-4.6Zr conducted with each heat treatment in air and Ringer’s
solution and range of S-N data of Ti-6Al-4V in air. Data indicated by 䉱: data obtained from Ti-29Nb13Ta-4.6Zr where Nb, Ta, Zr, and O are 31.5, 11.6, 4.7, and 0.14 mass %, respectively. 䊏, 왍, ●, and 앩:
data obtained from Ti-29Nb-13Ta-4.6Zr where Nb, Ta, Zr, and O are 29.2, 12.3, 4.4, and 0.10 mass %,
respectively.

obtained in both air and simulated body environment, that is, in Ringer’s solution are shown in
Fig. 9. The fatigue strength of Ti-29Nb-13Ta-4.6Zr is equal to that of Ti-6Al 4V ELI, especially
in the high cycle fatigue life region by conducting aging after solution treatment.
The fatigue strength of Ti-29Nb-13Ta-4.6Zr is not degraded in Ringer’s solution as compared with the data in air. Therefore, the corrosion fatigue resistance in the living body environment will be sufficient.

G. Fretting Fatigue Strength in Air and Simulated Body Environment
Fretting fatigue sometimes occurrs for example between bone plate and screw or bone and stem.
Fretting fatigue is also a very important issue for biomaterials. Fretting fatigue and plane fatigue
strength data of Ti-29Nb-13Ta-4.6Zr in as-solutionized (ST) and aged (STA) conditions, and
Ti-15Mo-5Zr-3Al in annealed conditions as a comparison, are shown in Fig. 10 [24]. The fretting
fatigue data of Ti-29Nb-13Ta-4.6Zr obtained in Ringer’s solution are shown in Fig. 11 [24] in
addition to the data obtained in air. Plane fatigue limit, Pf, is the greatest in Ti-15Mo-5Zr-3Al
and the smallest in as-solutionized Ti-29Nb-13Ta-4.6Zr. However, fretting fatigue limit, Ff, is
the greatest in Ti-29Nb-13Ta-4.6Zr conducted with aging. The fatigue damage is more accelerated by fretting in Ti-15Mo-5Zr-3Al. According to the observation of the fretting area, the
slipping distance is the greatest in Ti-15Mo-5Zr-3Al and the smallest in as-solutionized Ti29Nb-13Ta-4.6Zr. These phenomena can be considered to be caused by the degree of sink of
pad into specimen, which is related to the Young’s modulus of the specimen. Therefore, The
fretting damage on fatigue strength, Pf/Fp, can be related with Young’s modulus as shown in
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Figure 10 S-N curves of Ti-29Nb-13Ta-4.6Zr (TNTZ) and Ti-15Mo-5Zr-3Al (Ti15-5-3) conducted with
each heat treatment obtained from plain fatigue and fretting fatigue tests in air.

Fig. 12 [24]. The low rigidity ␤ type titanium alloy is less sensitive to fretting fatigue comparing
with the high modulus titanium alloy.
The fretting fatigue strength of as-solutionized Ti-29Nb-13Ta-4.6Zr is a little greater in
Ringer’s solution than in air in the low cycle fretting fatigue life region, but a little smaller in
Ringer’s solution than in air in the high cycle fatigue life region. The friction force is always
greater in air than in Ringer’s solution, as shown in Fig. 13 [24]. On the other hand, the pit
formation can be observed in the contact area in both low and high cycle fatigue life regions.

Figure 11 S-N curves of Ti-29Nb-13Ta-4.6Zr conducted with solution treatment obtained from plain
fatigue and fretting fatigue tests in air and Ringer’s solution.
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Figure 12 Relationships between fretting damage ratio, Pf/Ff, and modulus of elasticity. Pf, plain fatigue
limit; Ff, fretting fatigue limit.

The fretting fatigue crack does not initiate from pit in the low cycle fretting fatigue life region,
but initiates from pit in the high cycle fretting fatigue life region. Therefore, in the low cycle
fretting fatigue life region, the effect of lubrication by Ringer’s solution is relatively greater,
but the effect of corrosion is relatively greater in the high cycle fretting fatigue region.
H. Wear Characteristics
The wear resistance of titanium alloys is in general poor. However, when compared with Ti6Al-4V ELI, the wear resistance of Ti-29Nb-13Ta-4.6Zr is better than that of Ti-6Al-4V ELI
when the mating material is a zirconia ball, as shown in Fig. 14 [25]. However, when the mating
material is an alumina ball, the wear resistance of Ti-29Nb-13Ta-4.6Zr is inferior to that of Ti6Al-4V ELI.
The wear resistance of Ti-29Nb-13Ta-4.6Zr can be improved by simple oxidation treatment
in air at lower temperature compared with Ti-6Al-4V ELI, as shown in Fig. 15 [26].
I. Bioactive Surface Modification
A method that is expected to be effective in further improving the biocompatibility of Ti-29Nb13Ta-4.6Zr is to coat the surface of the alloy with calcium phosphate recrystalized invert glass.
In this method, glass composed of 60Ca0 䡠 (90 ⳮ x)P2O5 䡠 3TiO2 䡠 (10-y)Na2O is prepared,
from which glass paste is made using a ball mill. After drying, it is heat treated. The results of
x-ray diffraction analysis of glass of this composition after being subjected to 1-hour heat treatment at 1023 K is shown in Fig. 16 [27]. ␤-TCP (Ca3(PO4)2) crystals and ␤-CPP(CaPO7)
crystals, both of which have a high biocompatibility, precipitate, and the precipitation of ␤-TCP
crystals prevails at this heat treatment temperature. If heat treatment is performed in a vacuum,
cracks occur between the coating layer and the alloy, but no cracks occur when heat treatment
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Figure 13 Relationships between frictional force and maximum cyclic stress of Ti-29Nb-13Ta-4.6Zr
conducted with solution treatment in air and in Ringer’s solution.

Figure 14 Weight loss of Ti-29Nb-13Ta-4.6Zr and conventional alloy, Ti-6Al-4V ELI, against a zircon
ball.
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Figure 15 Weight loss of (a) Ti-29Nb-13Ta-4.6Zr and (b) Ti-6Al-4V oxidized at 773 K and 1073 K for
various times after solutionizing in friction wear tests in Ringer’s solution.

is carried out in atmosphere, resulting in a sound coating layer as shown in Fig. 17 [27]. This
coating can be more easily performed in Ti-29Nb-13Ta-4.6Zr than in pure Ti or Ti-6Al-4V ELI.
Ti-29Nb-13Ta-4.6Zr coated with calcium phosphate crystallized glass is dipped into the
simulated body liquid, SBF solution, and then the hydroxyapatite, which has high biocompatibility, precipitates on the surface of the coating layer as shown in Fig. 18 [27].
J. Fabrication of Implants by Machining
Dental implant parts can be machined from Ti-29Nb-13Ta-4.6Zr using a CNC (computer numerical control) automatic precision lathe as shown in Fig. 19. Stem for artificial hip joints can also
be machined from Ti-29Nb-13Ta-4.6Zr using vertical machining center as shown in Fig. 20.
K. Dental Casting
Ti-29Nb-13Ta-4.6Zr can also be applicable for dental precision casting products like attachment
post, denture, porcelain glazed metal crown, crown, inlay, etc., using alumina-based investment

Figure 16 X-ray diffraction patterns of coating layers on the specimens prepared by heating at 1023 K
for 3.6 ks in air. 앩: TCP; ●: CPP; 왕: ␤-Ti; *: unknown phase.
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Figure 17 SEM micrograph of the cross section of the coating layer obtained by heating at 1073 K for
3.6 ks in air.

material. These dental prostheses made of Ti-29Nb-13Ta-4.6Zr using alumina based investment
material are shown in Fig. 21. In future, much more suitable investment materials, for example,
magnesia-based or calcia-based investment materials for precision castings of Ti-29Nb-13Ta4.6Zr should be developed because the melting point of the alloy is relatively high due to high
melting point alloying elements like Nb and Ta compared with conventional pure Ti or Ti-6Al4V for dental precision casting.

Figure 18 X-ray diffraction pattern of the surface of the glassceramic layer coated on the alloy before
or after soaking in SBF for 10, 20, or 30 days. 䊏: HA; 앩: TCP; ●: CPP; 䉱: TiO2, and * unknown phase.
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Figure 19 Parts for dental implant made of Ti-29Nb-13Ta-4.6Zr by machining. (From Aktoment Ltd.
Co.)

Figure 20 Stem for artificial joint made of Ti-29Nb-13Ta-4.6Zr by machining. (From Aktoment Ltd.
Co.)
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Figure 21 Examples of dental prostheses made of Ti-29Nb-13Ta-4.6Zr. (From Fukui, Aichi-Gakuin
University.)

L. Biocompatibility
To be accepted as biomaterial a new material’s biocompatibility must be evaluated by in vivo
animal experiment. Regarding solid materials for orthopedic implants, a small specimen is implanted into femoral or tibial bone of small animals. After a certain period, histological and
radiological observations are performed in terms of tissue reaction around the implanted material.
When the implanted material is recognized as the foreign body due to the release of chemical
substances or stimulative surface, although tiny particles or small decomposition products in
small amount can be eliminated by phagocytic activity of foreign body giant cells and macrophages, the implanted material will be surrounded by interstitial fibrous tissue to isolate from
the living body, which is called encapsulation known as one of typical foreign body reactions
in which the interstitial fibrous tissue confines the foreign body, and minimize the harmful
influence. And the thickness of the fibrous tissue increases depending on the degree of the
harmfulness. However, in case of the material with a good chemical stability and nonstimulative
surface, the implanted material will exist without the interstitial fibrous tissue, and newly formed
bone tissue can directly contact to the material surface. Furthermore, by using the material made
of calcium phosphate, which is the main substance of bone mineral, the bone tissue can chemically or biologically bond to the implanted material surface. Therefore, either the appearance
or thicknesses of the interstitial fibrous tissue or the bone formation around the implanted material
demonstrate the degree of biocompatibility.
According to the tissue reaction phenomena, the biocompatibility of orthopedic implant
materials was classified into three categories by Heimke. [28] such as ‘‘biotolerant,’’ showing
distant osteogenesis (bone formation with indirect contact to the material); ’‘bioinert,’’ showing
contact osteogenesis (bone formation with direct contact to the material), and ‘‘bioactive,’’
showing bonding osteogenesis (bone formation with chemical or biological bonding to the material). And this classification and category names have been widely used in biomaterial research
and development.
In order to investigate the biocompatibility of the developed titanium alloy of Ti-29Nb13Ta-4.6Zr, columnar specimens of 5 ⳯ 10 mm were implanted into lateral condyles of rabbit
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Figure 22 Implantation of columnar specimen.

femurs (Fig. 22). As control materials, columnar specimens made of SUS316L stainless steel
and Ti-6Al-4V were also implanted in the same manner. At 4, 8 and 24 weeks and 1 year after
the implantation, histological observation was performed with Fuchsin staining and contact
microradiogram (CMR). At 4 weeks after implantation, all the implanted materials were surrounded by newly formed bone tissue, and the direct contact was partially observed in the
material surface. Even in SUS316L stainless steel, which is the biotolerable material showing
distant osteogenesis, bone tissue directly contacted to the material surface because bone formation in repairing phase is very active as a reaction to the implantation (Fig. 23). At 8 weeks,
the implanted materials were surrounded by mature bone tissue, and the direct contact was
observed at in both titanium alloys of Ti-29Nb-13Ta-4.6Zr and Ti-6Al-4V. However, in SUS316
stainless, a thin radiolucent line was observed at the interface between the bone tissue and the
material surface, in which the radiolucent line represents the interstitial fibrous tissue. At 24
weeks, most of the circumference was closely covered by mature bone tissue, and the direct
contact was often observed in both titanium alloys. However, in SUS316L stainless steel mature
bone tissue was observed but away from the material surface in which the wide radiolucent line
existed. At 1 year after implantation, the same findings of bone formation and the direct contact
were obtained in both titanium alloys, but the implanted material of SUS316L stainless steel
fell off from the femoral condyle during harvesting operation.

Figure 23 Bone formation around the implanted materials.
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From these results, the developed titanium alloy Ti-29Nb-13Ta-4.6Zr is classified into
the bioinert material showing contact osteogenesis at the same as Ti-6Al-4V titanium alloy.
And the biocompatibility of the developed titanium alloy is far superior to SUS316L stainless
steel, and equal to Ti-6Al-4V, or possibly greater than Ti-6Al-4V in the long term because Ti29Nb-13Ta-4.6Zr consists of nontoxic elements but Ti-6Al-4V contains aluminum and vanadium, known as harmful elements [29–31].
M. Bone Tissue Reaction to Material Rigidity
It is well known as Wolff’s law of functional restoration that bone tissue is necessarily remodeled
under the influence of the mechanical stress, in which the decrease or absence of mechanical
stress can cause atrophy or absorption of bone tissue [32]. Also in fracture healing, the mechanical
stress greatyly influences callus formation and following bone remodeling [33]. Conventional
implant alloys with high mechanical strength typically have a high rigidity of 150–200 GPa in
the elastic modulus, which is approximately ten times higher than 18–20 GPa of human living
cortical bone. The big difference in the material rigidity causes a load transmission failure with
the reduction of the mechanical stress, in particular part of the surrounding bone tissue, and
induces the bone atrophy or absorption and the further component loosening in implant surgery
[34,35]. This is the so-called stress-shielding phenomenon. Recently, Ti-6Al-4V has become
popular as an implant metal with good biocompatibility and relatively lower rigidity, around
100 GPa; however, the rigidity is still five times higher than the living cortical bone. The
developed low rigidity titanium alloy is expected to improve the reduction of the mechanical
stress, and promote bone formation and bone remodeling in the implant surgery such as internal
fracture fixation and replacement arthroplasty.
In order to investigate bone tissue reaction to the material rigidity, and to consider biomechanical significance of the low rigidity, an animal study of intramedullary fixation was performed in experimental tibia fracture of rabbit using metal rods made of Ti-29Nb-13Ta-4.6Zr
with a rigidity of 58 GPa in the elastic modulus, Ti-6Al-4V with 108 GPa, and SUS316L
stainless steel with 161 GPa (Fig. 24). In terms of bone healing, remodeling and bone atrophy,
bone tissue reaction was observed for 24 weeks by x-ray pictures taken at every 2 weeks (Fig.
25). And then histological observation was performed with Fuchsin staining and contact microradiogram. At 4 weeks after the fixation, callus formation was clearly observed at the posterior
part of the fracture gap in Ti-29Nb-13Ta-4.6Zr and Ti-6Al-4V, but large callus formation was
observed at the anterior part in SUS316L stainless (Fig. 26). At 6 weeks, the fracture was almost

Figure 24 Intramedullary fixation of tibial fracture model.
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Figure 25 Fracture healing and following remodeling up to 10 weeks.

healed with the smooth outline of the callus and no fracture gap in Ti-29Nb-13Ta-4.6Zr, while
similar findings were observed at 8 weeks in Ti-6Al-4V and SUS316L stainless steel. However,
the anterior callus formation was remained up to 24 weeks as ectopic bone formation in SUS316L
stainless steel. Additionally, regardless of material, bone swelling was often observed at the
anterior part of the tibia shaft.

Figure 26 Remodeling at 24 weeks.
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As for histological findings at 24 weeks after the fixation, the bone atrophy in SUS316L
stainless steel at the posterior part of proximal tibia was confirmed as lamination of cortical
bone with the absence of osteons. On the contrary, a number of osteons, the result of internal
remodeling of cortical bone, were observed in thick cortical bone in Ti-29Nb-13Ta-4.6Zr and
Ti-6Al-4V (Fig. 27). At the tibia shaft, the anterior swelling in Ti-29Nb-13Ta-4.6Zr and Ti6Al-4V, and the remained anterior bone formation in SUS316L stainless steel, seemed to be
the reorganization of cortical bone to adapt to a new loading condition with the intramedullary
fixation. However, the new cortical bone was thick with smooth shape in Ti-29Nb-13Ta-4.6Zr
as compared with Ti-6Al-4V and SUS316L stainless steel (Fig. 28).
From these results, it is confirmed that the mechanical stress greatly influences fracture
healing and bone remodeling corresponding to Wolff’s law of functional restoration and the
stress-shielding phenomenon. They also suggest that Ti-29Nb-13Ta-4.6Zr as a low rigidity titanium alloy can improve load transmission failure, providing the moderate mechanical stress to
the surrounding bone tissue, which promotes faster fracture healing and bone remodeling as
compared with conventional implant metals with high rigidity.

IV. FUTURE PROSPECTS OF IMPLANT METAL ALLOY
Recent technology in metallurgy allows the development of new titanium alloys with different
properties, such as nontoxic elements, high mechanical strength, and superelasticity. Also advanced technology in surface modification allows the control of chemical properties and nanostracture of the material surface to obtain the best biocompatibility. The future implant metal
developed by these technologies will overthrow previous empirical common knowledge on
implant surgery because the implant design and clinical applications have been restricted by

Figure 27 Cross-section of proximal tibia at 24 weeks.
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Figure 28 Cross-section of tibia shaft at 24 weeks.

material properties, and they changed with every new material. It is expected that technical
innovation will produce new biomaterials and improve the evolution of implant surgery as well.

V. CONCLUSIONS
Newly developed low rigidity ␤ type titanium alloy Ti-29Nb-13Ta-4.6Zr can be successfully
fabricated by the Levicast method. The rigidity of Ti-29Nb-13Ta-4.6Zr is much lower than that
of conventional Ti-6Al-4V ELI. The cytotoxicity of Ti-29Nb-13Ta-4.6Zr is equivalent to that
of pure Ti, and is lower than that of Ti-6Al-4V ELI. Ti-29Nb-13Ta-4.6Zr shows a good balance
of strength and ductility. The fatigue strength of Ti-29Nb-13Ta-4.6Zr is equivalent to that of
conventional ␣ Ⳮ ␤ type Ti-6Al-4V ELI. The fatigue strength of Ti-29Nb-13Ta-4.6Zr is not
degraded in simulated body environments. The decreasing ratio in fatigue strength of Ti-29Nb13Ta-4.6Zr by fretting is relatively lower comparing with that of conventional ␤ type Ti-15Mo5Zr-3Al. Wear resistance of Ti-29Nb-13Ta-4.6Zr is greater than that of conventional Ti-6Al4V ELI. Bioactive coating of calcium phosphate crystallized glass can be easily performed on
Ti-29Nb-132Ta-4.6Zr. The bioactive hydroxyapatite is formed on the surface of coating layer
of calcium phosphate crystallized glass after soaking the calcium phosphate crystallized glass
coated Ti-29Nb-13Ta-4.6Zr in SBF. Dental implant parts, stem for artificial hip joints, etc., can
be made from Ti-29Nb-13Ta-4.6Zr by machining. Ti-29Nb-13Ta-4.6Zr can be applicable for
dental precision casting products. Ti-29Nb-13Ta-4.6Zr is classified into the bioinert material
showing contact osteogenesis as the same as Ti-6Al-4V titanium alloy. The biocompatibility of
Ti-29Nb-13Ta-4.6Zr is far superior to SUS316L, and equal to Ti-6Al-4V, or possibly greater
than Ti-6Al-4V in the long term because Ti-29Nb-13Ta-4.6Zr consists of nontoxic element but
Ti-6Al-4V contains aluminium and vanadium, known as harmful elements. Ti-29Nb-13Ta-4.6Zr
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of the low rigidity titanium alloy can improve the load transmission failure providing the moderate mechanical stress to the surrounding bone tissue, which promotes faster fracture healing and
bone remodeling as compared with conventional implant metals with high rigidity.
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I. INTRODUCTION
All metallic implants electrochemically corrode to some extent. This is disadvantageous for two
main reasons: (1) the process of degradation reduces the structural integrity and (2) degradation
products may react unfavorably with the host. Metallic implant degradation results from both
electrochemical dissolution and wear, but most frequently occurs through a synergistic combination of the two [1,2]. Electrochemical corrosion processes include both generalized dissolution
uniformly affecting an entire surface and localized areas of a component. Locally these areas
tend to be at both identifiable areas relatively shielded from the environment (e.g., crevice
corrosion) and at random sites on the surface (e.g., pitting corrosion). In the past, these electrochemical and other mechanical processes have interacted to cause premature structural failure
and accelerated metal release (e.g., stress corrosion cracking, corrosion fatigue, and fretting
corrosion). Current clinical questions persist regarding the degree to which elevated local and
systemic metal concentrations and particulate corrosion products persist in peri-implant tissues.
This chapter will overview implant corrosion basic science, in vitro corrosion testing
techniques, corrosion properties of orthopedic alloys, and biocompatibility issues such as metal
release, local tissue response to implant corrosion products, and implications for potential systemic effects.

II. GENERAL CORROSION CONCEPTS
Metal implant corrosion is controlled by (1) the extent of the thermodynamic driving forces
which cause corrosion (oxidation/reduction reactions) and (2) physical barriers which limit the
kinetics of corrosion. In practice these two parameters that mediate the corrosion of orthopedic
biomaterials can be broken down into a number of variables: geometric variables (e.g., taper
geometry in modular component hip prostheses), metallurgical variables (e.g., surface microstructure, oxide structure, and composition), mechanical variables (e.g., stress and/or relative
motion), and solution variables (e.g., pH, solution proteins, enzymes).
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A. Thermodynamic Considerations: How and Why Metals Corrode
The basic reaction that occurs during corrosion is the increase of the valence state (i.e., loss of
electrons) of the metal atom.
M → M z + + ze − (oxidation)

(1)

This oxidation event (loss of electrons and increase in valence) may result in the release of free
ions from the metal surface into solution (which can then migrate away from the metal surface),
or may result in many other reactions such as the formation of metal oxides, metal chlorides,
organometallic compounds, or other species. These ‘‘end’’ products may also be soluble in
solution or may precipitate to form solid phases. Solid oxidation products may be subdivided
into those that form adherent compact oxide films, or those that form nonadherent oxide (or
other) particles that can migrate away from the metal surface.
For corrosion to occur at all there must be a thermodynamic driving force for the oxidation
of metal atoms. This driving force can be quantified thermodynamically using the Gibbs function,
or free energy equation (the Gibbs function incorporates both the entropy and enthalpy changes
of the above chemical reaction, or the total work to reach equilibrium).

∆G red = ∆G o + RT In

[M]
[M z +][e −]z

(2)

where

⌬Gred is the free energy change for the reduction reaction (i.e., the reverse reaction from
above)
⌬Go is the free energy of the reaction in some quantifiable standard state (typically where
the ions are at unit activity or fully saturated)
[M], [MzⳭ], and [eⳮ]z are approximate activities (or concentrations) of the species involved
in the reaction. This assumption is only really true in infinitely dilute solutions where
released ions do not interact and molality equals activity, but it remains a good
approximation for dilute solutions as well.
By convention, if ⌬G ⬎ 0, then the process requires energy; or if ⌬G ⬍ 0, then the oxidation
process releases energy and will spontaneously occur.
There are two interrelated sources of energy to be considered in corrosion processes:
chemical and electrical (charge separation). The chemical driving force (⌬G) determines whether
or not corrosion will take place under the conditions of interest. When the free energy for
oxidation is less than zero, oxidation is energetically favorable and will take place spontaneously.
The second energy force relates to how the positive and negative charges (metal ions and
electrons, respectively) are separated from one another during corrosion. This charge separation
contributes to what is known as the electrical double layer and creates an electrical potential
across the metal–solution interface (similar to that of a capacitor), which can be quantified by
the expression:
∆G = − z F ∆ E
where

⌬G is the free energy change
z is the valence of the ion
F is known as the Faraday constant (i.e., 96,500 coulombs/mol electrons)
⌬E is the voltage across the metal–solution interface.

(3)
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This potential is also a measure of the reactivity of the metals, or the driving force for metal
oxidation. It shows that the more negative the potential of a metal in solution, the more reactive
it will tend to be (i.e., the greater is ⌬G for reduction).
At equilibrium, the chemical energy balances with the electrical energy, which can be
quantified using the Nernst equation, which defines the electrical potential across an idealized
metal–solution interface when in a solution.

∆E = ∆Eo +

RT
[M z +]
In
[M]
zF

(4)

where
⌬E is the potential of the metal
⌬Eo is the standard electrode potential of the metal
R is the gas constant (8.314 J/mol)
T is temperature in Kelvin (25⬚C is 298 K)
z is the valency
F is the Faraday constant (96,490 coulombs/mol).
From this equation, a theoretical scale of metal reactivity can be established, known as the
electrochemical series, which is a ranking of the equilibrium potential from most positive (i.e.,
least reactive or most noble) to most negative (most reactive or most base). Be aware that this
ranking is based only on thermodynamic equilibrium. That is, it is only true if we assume that
there are no barriers (i.e., no surface oxide formation) to the oxidation (loss of electrons/corrosion) of the metal; then these potentials would be the ones that would exist across the metal–solution interface. Table 1 shows some selected idealized reactions and their electrochemical potential
(using a standard hydrogen electrode). Certain metals owe their corrosion resistance to the fact
that their equilibrium potentials are very positive. Gold and platinum are examples of metals
that have little or no driving force for oxidation in aqueous solutions, and thus they tend to
corrode very little in the human body. However, most orthopedic metals have very negative
potentials, indicating that from a chemical driving force perspective they are much more likely
to corrode. For example, titanium has a very large negative potential, ⳮ1.6 V (SHE), indicating
that there is a large chemical driving force for corrosion (oxidation). If surface oxide formation
(or passivation) did not intervene, pure titanium would react with its surroundings (typically
oxygen, water, or other oxidizing species) and corrode vigorously. But it doesn’t, thanks to the
formation of metal oxides.
B. Kinetic Barriers to Corrosion: Oxide Film Formation
The second primary factor that governs the corrosion process of metallic biomaterials is the
formation of stable surface barriers or limitations to the kinetics of corrosion. These barriers
prevent corrosion by physically limiting the rate at which oxidation or reduction processes can
take place. The formation of a metal–oxide passive film on a metal surface is one example of
a kinetic limitation to corrosion. The general reaction that governs this formation is as follows:
Mz + +

z
z
H 2O → MO + zH + ze −
2
2

(5)

In general, kinetic barriers to corrosion prevent either the migration of metallic ions from the
metal to the solution, the migration of anions from solution to metal, or the migration of electrons
across the metal–solution interface. Passive oxide films are the most well known forms of kinetic
barriers in corrosion, but other kinetic barriers exist including manufactured polymeric coatings.
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Table 1 Standard Electrochemical Series for Selected Metals

Noble (corrosion resistant)

Active (corrosion prone)

Reaction

Potential (V)

Au3⫹ ⫹ 3e⫺ ⇔ Au
Pt2⫹ ⫹ 2e⫺ ⇔ Pt
Ag⫹ ⫹ e⫺ ⇔ Ag
O2 ⫹ 2H2O ⫹ 4e⫺ ⇔ OH⫺
Ti(OH)3⫹ ⫹ H⫹ ⫹ e⫺ ⇔ Ti3⫹ ⫹ H2O
H⫹ ⫹ e⫺ ⇔ 1/2 H2
Fe3⫹ ⫹ 3e⫺ ⇔ Fe
Co2⫹ ⫹ 2e⫺ ⇔ Co
Fe2⫹ ⫹ 2e⫺ ⇔ Fe
Cr2⫹ ⫹ 2e⫺ ⇔ Cr
Cr3⫹ ⫹ 3e⫺ ⇔ Cr
2H2O ⫹ 2e⫺ ⇔ 2OH⫺
TiO2 ⫹ 4H⫹ ⫹ 4e⫺ ⇔ Ti ⫹ 2H2O
Ti2⫹ ⫹ 2e⫺ ⇔ Ti
Mg⫹ ⫹ e⫺ ⇔ Mg
Na⫹ ⫹ e⫺ ⇔ Na

1.42
1.20
0.80
0.40
0.06
0.00
⫺
0.04
⫺
0.28
⫺
0.41
⫺
0.56
⫺
0.74
⫺
0.83
⫺
0.86
⫺
1.60
⫺
2.37
⫺
2.71

These values are based on the standard hydrogen electrode scale. The more noble metals at the top of the list are less
reactive, while the more active metals toward the bottom are more reactive and have a higher driving force for oxidation
(corrosion).

Orthopedic alloys rely almost entirely on the formation of passive films to prevent significant oxidation (corrosion) from taking place. These films consist of metal oxides (ceramic films)
which form spontaneously on the surface of the metal in such a way that they prevent further
transport of metallic ions and/or electrons across the film. To be effective barriers, the films
must be compact and fully cover the metal surface; they must have an atomic structure that
limits the migration of ions and/or electrons across the metal oxide–solution interface; and they
must be able to remain on the surface of these alloys even with mechanical stressing or abrasion,
expected with orthopedic devices.
Passivating oxide films spontaneously grow on the surface of metals. These oxide films
are very thin (on the order of 5 to 70 Å) and may be amorphous or crystalline, which depends
on the potential across the interface as well as solution variables like pH [3,4]. Since the potential
across the metal solution interface for these reactive metals is typically 1 to 2 V and the distances
are so small, the electric field across the oxide is very high, on the order of 106 –107 V/cm. One
of the more widely accepted models, by Mott and Cabrera [5], states that oxide film growth
depends on the electric field across the oxide. If the potential across the metal oxide–solution
interface is decreased (i.e., made closer to the electrochemical series potential; see Table 1),
then the film thickness will decrease by reductive dissolution processes at the oxide to keep the
electric field strength constant. Increasing the voltage will correspondingly increase the thickness
of the film. In fact, oxide thickness is often determined by an anodization rate which is given
as oxide thickness per volt [4]. The film will change its thickness by growth or dissolution until
the rates of both are equal, giving rise to a film thickness that is dependent on metal oxide–solution potential. If the interfacial potential is made sufficiently negative or the pH of the solution
is made low enough, then these oxide films will no longer be thermodynamically stable and
will undergo reductive dissolution, or there will be no driving force for the formation of the
oxide, and the metal surface will become unprotected.
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Oxide films are not flat smooth continuous sheets of adherent oxide covering the metal.
Transmission electron microscopy (TEM) and atomic force microscopy (AFM) techniques have
shown that oxides of titanium, for instance, consist of needle [6] or dome [7] shapes. Also,
mechanical factors such as fretting, micromotion, or applied stresses may be such that the
oxide films are abraded or fractured. When an oxide film is detached from the metal substrate,
unoxidized metal is exposed to solution. These films tend to reform or repassivate, and the
magnitude of the repassivation currents may be large. This is due to the normally large driving
forces that are present for the oxidation process which, when the kinetic barrier is removed, can
operate to cause oxidation. However, the extent and duration of the oxidation currents will
depend on the repassivation kinetics for oxide film formation. Hence, the mechanical stability
of the oxide films, as well as the driving force associated with their formation, are central to
the performance of oxide films in orthopedic applications.
C. The Solution–Metal Interface: Metal, Oxide Layer, Biofilm, and
Solution
The interface between a passivating metal and body fluid can then be summed up with the
following description (see Fig. 1). Prior to implantation, the metal surface spontaneously reacts
with its surroundings to form a passive metal oxide film which may be nonuniform in crosssection (domed or needle shaped) and, at least initially, amorphous. An oxide film nucleates
and grows on the metal surface and contains within it defects which allow for electronic and
ionic transport of charged species across the film. There are species such as oxygen, phosphates
[8], hydroxides, or proteins [9] adsorbed from solution onto the surface of the oxide film which
may change the properties of the film. There also exists a large electric field that is the driving
force for the movement of these ions across the film. If the electric field strength is changed
(by changing the applied potential, for instance), then the oxide film will grow or shrink to
maintain a constant field strength (at least at low temperatures). Also, depending on conditions,
the oxide film will change crystal structure, size, and thickness. Several treatments have been
investigated to see if improvements in the barrier effect of the oxide films can be achieved.
These treatments include a hot, concentrated nitric acid bath treatment, boiling in distilled water
[10], and anodization. However, optimizing changes in oxide film structure with these treatments
remains incomplete.
Oxidation and reduction reactions upon metal surfaces are typically separated spatially
from each other (i.e., the rate of oxidation of a species may be heterogeneously distributed about
a metal surface). That is, regions where oxidation is occurring may be well separated spatially
from where the corresponding reduction process is operating. These variations can be due to
local microstructural heterogeneities or differences between grain boundaries and grain interiors
in the alloy, differences in strain energy, or geometry (as occurs in crevice corrosion or pitting
corrosion). During crevice corrosion the region inside a crevice develops into a deaerated environment and may have a lower pH than the bulk solution. This tends to accelerate the release
of metal ions in the crevice (oxidation), while away from the crevice the reduction reactions
involving oxygen can take place. In this case oxidation is localized inside the crevice and
reduction takes place outside of the crevice.

III. IN VITRO CORROSION TESTING METHODS
There are a wide variety of corrosion test methodologies used to assess the corrosion properties
of orthopedic alloys. These include immersion tests such as anodic polarization, linear polariza-
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Figure 1 The interface of a metal surface in contact with a biological environment where the metal is
covered by an oxide layer followed by the adsorbed proteins (biofilm) through which metal ions can pass
into solution as shown.

tion, and specialized tests such as impedance spectroscopy [11], stripping analysis, and newer
techniques such as scanning electrochemical microscopy [12]. All these tests are used to investigate the rate of ion release, the electrochemical conditions which cause oxidation and reduction
processes, and the electrical nature of the interface. There are other test methods employed in
orthopedic laboratories that combine mechanical-electrochemical processes, such as fretting
corrosion, stress corrosion, and corrosion fatigue. These tests typically evaluate how an alloy
resists corrosion during physiologically relevant loading.
A. Open Circuit Potential
One of the more basic electrochemical tests which is used to assess the corrosion properties of
orthopedic alloys simply measures the electrical current (amps) and potential (volts) of the
metal–solution interface. Metal–solution interfaces have an associated potential that is determined by the bulk concentration of species present at the interface (i.e., the oxide films and
other species that may adsorb to the surface; see Fig. 1) and the electrolyte. In the complicated
environment of the human body the presence of multiple metals in an alloy, the potential of the
interface (known as the open circuit potential, OCP) will represent the sum of all reactions that
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are ongoing at the interface. At equilibrium for this ‘‘multielectrode’’ system the net external
current that flows is zero. This means that any and all oxidation processes ongoing at the surface
must be balanced by reduction processes that are also occurring at the same surface.

B. Polarization Testing—Current/Potential Response
A standard electrochemical test used to evaluate the corrosion resistance of implant alloys is
the polarization test. This test assesses the current/potential characteristics of the metal solution
interface by varying the potential of the interface and measuring the resulting current. Varying
the potential across the metal–oxide–solution interface in a controlled fashion forces the oxidation and reduction reactions, which are at a dynamic equilibrium at the open circuit potential
to deviate from equilibrium. For instance, for metals which do not form passivating films (not
implant alloys), the current/potential relationship is represented with the Butler-Volmer equation
[13]:
icorr = io [exp n/bc − exp n/ba]

(6)

where
icorr is the corrosion current at the applied potential
 is the overpotential (the potential difference between open circuit and the applied potential)
ba and bc are the Tafel constants
io is the exchange current density.
From these polarization tests, information characteristic of the corrosion currents and potentials
can be obtained, as well as the nature of the electrochemical behavior when the potential of the
interface is different from the resting OCP.
The typical instrumentation used for polarization tests is a potentiostat. Polarization tests
are performed by applying a potential (voltage) to a metal sample (working electrode) relative
to a standardized reference electrode. A counterelectrode is used to complete the circuit and to
provide a current sink so that the reference electrode is not affected by the current that flows.
A typical curve for a polarization test of a passivating metal is shown schematically in Fig. 2.
There are four regions of this plot that are the result of different behavior of the electrode
surface. At sufficiently negative potentials (i.e., below the equilibrium potential of the metal in
question), there is no driving force for oxidation of the metal to form either ions in solution or
oxide on the metal surface. At this potential the metal is immune. At potentials positive of the
equilibrium potential, the metal has a thermodynamic driving force for oxidation and is in the
active region, i.e., it actively corrodes and releases ions into solution. A passive film has not
formed to the extent that it can limit the rate of corrosion, although incomplete oxide film
formation may be occurring. This continues until the potential is increased to a sufficiently more
positive potential where the metal will spontaneously begin to form an oxide film on its surface.
When this film fully covers the metal substrate, the metal is said to become passive, and the
potential at which this occurs is known as the passivating potential, Epp. This kinetic barrier
prevents further oxidation, and the current that flows drops dramatically. As long as the oxide
layer remains intact on the surface, further increases in electrode potential will not significantly
increase the current. However as the potential is increased further in the passive range there is
an increase in the thickness of the oxide film. This process is known as anodization and can be
used to thicken the oxide film. For titanium, the anodization rate has been reported to be in the
range of 20 Å/V [4].
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Figure 2 Schematic for a polarization test of a pure metal in water with no other electrochemical reactions
taking place. The y axis represents the voltage of the metal surface relative to a standard electrode of some
sort, and the x axis represents the log of the current produced by the corrosion. The areas of different
corrosion behavior are indicated by the dotted lines. Below the equilibrium potential (Em) metal ions tend
to come out of solution onto the metal surface. Between the equilibrium potential and the passivation
potential (Epp) metal ion release from the surface is thermodynamically favorable, without inhibition by
surface oxide formation. However, between the passivation potential and the breakdown potential (Eb) the
surface of the metal is protected by the formation of an oxide layer (i.e., passive region). Above Eb the
driving force for ionization overcomes the protective surface oxide, resulting in corrosion within the
transpassive region.

Once the potential is increased further to a value where physical limitations to oxide layer
growth reduce its ability to kinetically limit the high thermodynamic driving force for oxidation,
the corrosion currents can increase and the electrode is said to enter transpassive behavior. This
transition potential is referred to as the breakdown potential, Eb. Changes in the barrier effect
of the oxide film may be the result of changes in the oxide structure or composition, valence
of the metal ions in the oxide, or fracture of the oxide layer. For titanium, the breakdown
potential is in the tens of volts, generally well outside of any potential capable of being induced.
However, Co–Cr and stainless steel alloys have a breakdown potential of about Ⳮ550 mV due
to the Cr2O3 oxide layer breakdown.
Please note that Fig. 2 is an idealized plot of passive behavior and does not show any
other oxidation or reduction reactions which may be ongoing concurrently (i.e., no oxide layer
formation, precipitates, and/or ion interactions in solution). If a second electrode reaction, typically the reduction of oxygen, is present, the resultant polarization curve will be the sum of the
two reactions. The summation effect can be seen in Fig. 3 and represents more real world
conditions. The corrosion potential (or open circuit potential) for the combined reactions will
be where the O2 reduction reaction curve intersects with the oxidation reaction of the metal.
This more complex graph more accurately represents what happens when performing this type
of testing on implant alloys using physiologically relevant solutions where there are hundreds
to thousands of reactions occurring.
C. Electrochemical Impedance Spectroscopy
This technique is based on the fact that metal–oxide interfaces have characteristics which are
related to electrical circuits. For instance the transfer of metal ions across the interface can be
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Figure 3 Schematic showing a polarization test in which there are two electrode reactions. One is a
passivating metal and the other a reduction reaction (i.e., oxygen reduction). This more realistic schematic
of an actual metal implant surface demonstrates the difficulty in ascertaining distinct electrochemical
characteristics from real world samples (e.g., Ti-based alloy in bovine serum electrolyte).

thought of as a current whose driving force is the potential drop across the interface and the
resistance due to the kinetic barriers to the movement of these ions. Also, at the interface there
are positive and negative charges separated from one another, known as the electrical double
layer, which creates an equivalent capacitor at the interface. Thus, the interface can be analogous
to a resistor in parallel with a capacitor. Impedance spectroscopy uses alternating current techniques to determine the resistive and capacitive nature of the interface. From these experimentally
derived R and C values one can determine how difficult or easy it is to transport charge across
the interface and also to determine the nature of the electrical double layer. Additional information can be obtained about the growth and structure of the oxide layer as well [11]. One of the
results of these types of experiments is the determination of the polarization resistance. This is
a term that describes the ease of ion transport across the interface. Higher polarization resistance
implies lower corrosion rates. When this technique was used to assess the polarization resistance
of Ti-6Al-4V in Ringer’s solution, Ringer’s with serum, and Ringer’s at pH ⳱ 1 [14]. It was
found that the polarization resistance of this alloy decreased with the addition of bovine serum
and with a decrease in pH, implying that the corrosion rate increased. This underscores the
importance of using appropriate electrolyte fluid when conducting any corrosion testing
D. Scanning Electrochemical Microscopy
This is a relatively new technique that can be used to analyze and image the local microscopic
heterogeneous corrosion behavior of metal–solution interfaces [12]. Scanning electrochemical
microscopy uses a solid microelectrode probe to investigate the release of ions from a metal
surface on the microscopic scale. It has the ability to obtain images of the corrosion reactions
at a metallic surface under a wide variety of conditions. These include assessment of the ease
and distribution of oxidation and reduction processes on metal surfaces. While this technique
is relatively new to orthopedic biomaterials analysis, it may have significant application to the
study of electrochemical processes at implant surfaces.
E. Surface Analytical Techniques
These techniques are used to evaluate the surface of metal alloys after they have been exposed
to body simulating environments. Surface sensitive techniques include x-ray photoelectron spec-
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troscopy (XPS), auger electron spectroscopy (AES), secondary ion mass spectroscopy (SIMS),
and others. These techniques are very sensitive and are used to evaluate the outermost surfaces
of alloys. These techniques rely on photon–surface interactions and electron–surface interactions
to provide chemical information about the oxide layer. They are restricted to the outermost
surface because the signal generated comes only from the outer 5 nm or so of the surface. One
limitation to many of these techniques involves the use of instruments that require very high
vacuums and may alter or affect the nature of the surface.

IV. CORROSION-RESISTANT ORTHOPEDIC ALLOYS
There are three principal metal alloys used in orthopedics and particularly in total joint replacement: titanium based alloys, cobalt based alloys, and stainless steel alloys. The elemental composition of these three alloys is shown in Table 2. Alloy-specific differences in strength, ductility,
and hardness generally determine which of these three alloys is used for a particular application
or implant component. However, it is primarily the high corrosion resistance of all metal alloys
that has led to their widespread use as implant materials. Implant alloys were originally developed
for maritime and aviation uses where mechanical properties such as corrosion resistance and
high strength are paramount.
A. Stainless Steel Alloys
The form of stainless steel most commonly used in orthopedic practice is designated 316LV
(American Society for Testing and Materials F138, ASTM F138). The designation 316 classifies
the material as austenitic, the L denotes the low carbon content, and V the vacuum under which it
is formed. The carbon content must be kept at a low level to prevent carbide (chromium–carbon)
accumulation at the grain boundaries. This carbide formation weakens the material by allowing
a combination of corrosion and stress to degrade the material at its grain boundaries. In the past,
elevated levels of carbon have been associated with the fracture of some orthopedic implants
in vivo. Molybdenum is added to enhance the corrosion resistance of the grain boundaries, while
chromium dissipated evenly within the microstructure allows the formation of chromium oxide
(Cr2O3) on the surface of the metal. The ionic bonds associated with this coating protect the
surface from electrochemical degradation. Stainless steels are surface treated (e.g., in nitric acid)
to promote the growth and thickening of this passive oxide layer [2,15–17].
1. New Stainless Steels
The relatively poor corrosion resistance and biocompatibility of stainless steels when compared
to Ti and Co–Cr–Mo alloys provides incentive for development of improved stainless steels.
New alloys such as BioDur 108 (Carpenter Technology Corp.) attempt to solve the problem of
corrosion with an essentially nickel-free austenitic stainless alloy. This steel contains a high
nitrogen content to maintain its austenitic structure and boasts improved levels of tensile yield
strength, fatigue strength, and improved resistance to pitting corrosion and crevice corrosion as
compared to nickel-containing alloys such as Type 316L (ASTM F138).
B. Cobalt–Chromium Alloys
Cobalt–chromium implant alloys fall into one of two categories, those with nickel and other
alloying elements and those without. Of the many Co–Cr alloys available, the two most com-
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monly used as implant alloys (Table 2) are (1) cobalt–chromium–molybdenum (Co–Cr–Mo),
which is designated ASTM F-75 and F-76, and (2) cobalt–nickel–chromium–molybdenum
(Co–Ni–Cr–Mo), designated as ASTM F-562. Others approved for implant use include one
that incorporates tungsten (Co–Cr–Ni–W, ASTM F-90) and another with iron
(Co–Ni–Cr–Mo–W-Fe, ASTM F-563). Co–Ni–Cr–Mo alloys that contain large percentages
of Ni (25–37%) promise increased corrosion resistance yet raise concerns of possible toxicity
and/or immunogenic reactivity (discussed later) from released Ni. The biologic reactivity of
released Ni from Co–Ni–Cr alloys is cause for concern under static conditions. Due to their
poor frictional (wear) properties, Co–Ni–Cr alloys are also inappropriate for use in articulating
components. Therefore the dominant implant alloy used for total joint components remains
Co–Cr–Mo (ASTM F-75).
C. Titanium Alloys
While CPTi is most commonly used in dental applications, the stability of the oxide layer formed
on CPTi (and consequently its high corrosion resistance) and its relatively higher ductility (i.e.,
the ability to be cold worked) compared to Ti-6Al-4V have led to its use in porous coatings
(e.g., fiber metal) of TJA components. Generally, Ti-6Al-4V (ASTM F-136) is used for joint
replacement components because of its superior mechanical properties in comparison to CPTi
(Table 3). The Ti-6Al-4V alloy (also known as Ti-6-4) is composed of grains of two phases:
an HCP phase and a BCC phase, referred to as the alpha and beta phases, respectively. Aluminum
(5.5–6.5 % by weight) stabilizes the HCP phase and vanadium (3.5–4.5 % by weight) stabilizes
the BCC phase. The microstructure and mechanical properties of this alloy are highly dependent
on the thermomechanical processing treatments. The Ti-6Al-4V alloy microstructure is generally
composed of a fine-grained HCP phase with a sparse distribution of the BCC phase. If the
material is cooled too slowly the BCC phase becomes more prominent and lowers the strength
and corrosion resistance of the alloy.
Titanium alloys are particularly good implant materials because of their high corrosion
resistance compared with stainless steel and Co–Cr–Mo alloys. A passive oxide film (primarily
of TiO2) protects both Ti-6Al-4V and CPTi. This stable and adherent passive oxide film protects
Ti alloys from pitting corrosion, intergranular corrosion, and crevice corrosion attack and in
large part is responsible for the excellent biocompatibility of Ti alloys. Generally the strength
of Ti-6Al-4V exceeds that of stainless steel, with a flexural rigidity roughly half of stainless
steel and Co–Cr–Mo alloys. The torsional and the axial stiffness (moduli) of Ti alloys are
therefore closer to bone and theoretically provide less stress shielding than do Co alloys and
stainless steel. This attribute, along with excellent biocompatibility and corrosion resistance, is
primarily responsible for the popularity of titanium alloys in fracture fixation devices (plates,
screws), spinal fixation devices, and total hip replacement femoral components. Ti-6Al-4V alloy
is an example of a material which can be approximately 15% softer than Co–Cr–Mo alloys,
yet when used in bearing applications results in significantly more (15% greater) wear than
Co–Cr–Mo, e.g., TKA or THA femoral heads. Thus, Ti alloys are seldom used as materials
where resistance to wear is a primary concern [1,16–20].
D. Zirconium and Tantulum Alloys
Zirconium (Zr) and tantalum (Ta) are characterized as refractory metals (others include molybdenum and tungsten) because of their relative chemical stability (passive oxide layer) and high
melting points. Zr and Ta alloys are currently in use and may be gaining popularity as orthopedic
metals. Because of the surface oxide layer stability, Zr and Ta (like Ti) are highly corrosion
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resistant. Corrosion resistance generally correlates with biocompatibility (although not always)
because more stable metal alloys tend to be less chemically active and less participatory in
biologic reactions. Additionally, these refractory metals generally possess high levels of hardness
(12 Gpa) and wear resistance (approximately ten fold that of Co and Ti alloys, using abrasion
testing), which makes them well suited for bearing surface applications. The thickness of the
surface oxide layer (approximately 5 m) and ability to extend ceramic-like material properties
(i.e., hardness) into the material through techniques such as oxygen enrichment have resulted
in the production of TJA components using these alloys (e.g., oxidized zirconium TKA femoral
components, Smith and Nephew). As difficulties associated with forming and machining these
metals are overcome the use of these materials is expected to grow [2,16,18–20].

V. PRIMARY MECHANISMS OF IMPLANT CORROSION
There are significant clinical problems relating to the corrosion of implant alloys in the current
state-of-the-art implants which will likely continue to be a potential hazard for the near future, one
of which is corrosion observed in the taper connections of retrieved modular joint replacement
components. With the large and growing number of total joint designs that use modular connections (i.e., metal-to-metal press-fit conical tapered connections), the effects of crevices, stress,
and motion take on increasing importance. Retrieval studies [21,22] have shown that severe
corrosion attack can take place in the crevices formed by these tapers in vivo (see Fig. 4). It
has been postulated that this corrosion process is the result of a combination of stress and motion
at the taper connection and the crevice geometry of the taper. The stresses resulting from use
cause fracturing and abrasion of the oxide film covering these passive metal surfaces. This, in
turn, causes significant changes in the metal surface potential and in the crevice solution chemistry as the oxides are continuously fractured and repassivate. These changes may result in deaeration (loss of O2) of the crevice solution and a lowering of the pH in the crevice [23] as is
expected in crevice corrosion attack. The ultimate result of this process is a loss of the oxide
film and its kinetic barrier effect and an increase in the rate of corrosive attack in the taper
region.

Figure 4 Retrieved joint replacement components showing corrosion around the rims of early model
conical taper connections. (a) Cobalt-based alloy stem showing evidence of corrosion precipitates. (b)
Deposits of CrPO4 corrosion products on the rim a modular cobalt–chrome femoral component. Both
fretting and crevice corrosion are responsible for generating this type of implant degradation.
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Severe corrosion attack has been associated with Co–Cr alloy modular taper connections.
While less common, corrosion attack of titanium alloy stems can also occur. In general, Co–Cr
alloys undergo intergranular corrosion, etching, selective dissolution of cobalt, and the formation
of Cr-rich particles that are most likely oxides or oxychlorides. The corrosion products generated
at the taper connections can migrate into periprosthetic tissues and in between articulating polymeric surfaces. In the past there have been instances where retrieved implants have corroded
to such an extent that intergranular corrosion resulted in fatigue failure in the neck of Co–Cr
stems. It is to be emphasized that it is the mechanical integrity of the oxide films that form on
these alloys that determines long-term stability and performance of metallic components. Relatively little is known about the mechanical stability of oxide films and the electrochemical
reactions which occur when an oxide film is fractured. What is known is that when the oxide
films of these orthopedic alloys are abraded or removed from the surface by fretting the open
circuit potential can decrease to values as low as ⳮ500 mV (vs. SCE) [24].
These potential excursions may be significant enough and prolonged enough to cause
changes in the oxide structure and stability by bringing the interface potential into the active range
of the alloy, thereby dramatically accelerating the corrosion rate. Known corrosion properties of
popular implant alloys are listed in Table 4 and discussed in the following sections.

VI. METAL ION/SOLUBLE METAL LEVELS
Normal human serum levels of prominent implant metals are approximately as follows: 1–10
ng/mL aluminum, 0.15 ng/mL chromium, ⬍0.01 ng/mL vanadium, 0.1–0.2 ng/mL cobalt, and

Table 4 Electrochemical Properties of Implant Metals (Corrosion Resistance) in 0.1 M NaCl at pH 7
(except where indicated)

Alloy
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0.3 M NaCl
resistance,
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⫺500
mV

⫹500
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* Data not available.
** No current ASTM designation.
Note: The corrosion potential represents the open circuit potential (OCP) between the metal and a calomel electrode. The more negative the OCP, the more chemically
reactive and thus the less corrosion resistance. Generally low current density indicates greater corrosion resistance. The higher the breakdown potential, the better (i.e., the more elevated the breakdown potential, the more stable the protective layer).
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⬍4.1 ng/mL titanium. Following total joint arthroplasty levels of circulating metal (Co, Cr, Ni,
Al, and V) have been shown to increase (Table 5). Multiple studies have demonstrated chronic
elevations in serum and urine cobalt and chromium following total primary joint replacement.
Chronic elevations in serum Ti concentrations in subjects with well-functioning THR with Ticontaining components have also been reported without measurable differences in urine Ti
concentrations, serum Al concentrations, or urine Al concentrations. Vanadium concentrations
have not been found to be elevated in patients with TJA partially due to the technical difficulty
associated with measuring the small concentrations present in serum (Table 5).
Metal ion levels within serum and urine of TJA patients can be affected by a variety of
factors. The type of implant can affect metal serum concentrations. For example, patients with
total knee replacement components containing Ti-based alloy and carbon fiber-reinforced polyethylene wear couples demonstrated tenfold elevations in serum Ti concentration at an average
of 4 years after implantation. Substantial serum Ti elevations have also been reported in patients
with failed metal-backed patellar components where unintended metal/metal articulation was
possible. These individuals contained serum Ti levels up to a hundred times higher than normal.
However even among these THA patients, there was no elevation in serum or urine aluminum,
serum or urine vanadium levels, or urine titanium levels. Mechanically assisted crevice corrosion
of modular total hip arthroplasty components have been associated with elevations in serum Co
and urine Cr. It has been previously assumed that extensively porous coated cementless stems

Table 5 Upper Estimate Concentrations of Metal Reported in Human Body Fluids and in Human
Tissue with and Without Total Joint Replacements

Human body fluids (⫻10⫺3 mM)
Serum
Normal
TJA
Whole blood
Normal
TJA

Ti

Al

V

Co

Cr

Mo

Ni

0.06
0.09
0.35
1.4

0.08
0.09
0.48
8.1

⬎0.02
0.03
0.12
0.45

0.003
0.007
0.002
0.33

0.001
0.006
0.058
2.1

*
*
0.009
0.104

0.007
⬍0.16
0.078
0.50

⬍12
160
120
15200
*
*
30
1600
30
60
10
390
30
280

⬍12
570
⬍14
1130
*
*
10
180
⬍40
⬍40
690
690
30
90

*
*
*
*
*
*
*
*
*
*
*
*
*
*

*
*
*
*
*
*
*
*
*
*
*
*
*
*

Human tissue (g/g) (roughly equivalent to: ⫻0.1–0.01 mM)
Skeletal muscle II
Normal
*
*
*
TJA
*
*
*
Liver
Normal
100
890
14
TJA
560
680
22
Lung
Normal
710
9830
26
TJA
980
8740
23
Spleen
Normal
70
800
⬍9
TJA
1280
1070
12
Kidney
Normal
*
*
*
TJA
*
*
*
Lymphatic tissue
Normal
*
*
*
TJA
*
*
*
Heart
Normal
*
*
*
TJA
*
*
*
Normal: Subjects without any metallic prosthesis (not including dental).
TJA: Subjects with well-functioning total joint arthroplasty.
* Data not available [32,83,122,123].
Source: Refs. 33 and 121.
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would give rise to higher serum and urine Cr concentrations due to the larger surface area
available for passive dissolution. However some studies suggest that a predominant source of
disseminated chromium degradation products is most likely the fretting corrosion of modular
junctions.
To date, the form(s) of released metal in vivo remains relatively uncharacterized. What
metal bioreactivity has been characterized in vitro using metal ions in culture medium with 10%
serum (as is the case with most in vitro investigations) may differ from in vivo conditions of
essentially 100% serum, where relatively inert compounds (e.g., metal–oxides) and complexes
(e.g., metal–albumin) may more readily form and abrogate (or exaggerate) the toxic effects of
metals. Metal ions released in vivo [25] and in vitro [26] are bound by specific serum proteins.
Two molecular weight ranges of human serum proteins were determined to be associated with
the binding of Cr from Co–Cr–Mo (ASTM F-75) implant alloy degradation (at approximately
68 and 180 kDa); only one range of serum protein(s) (at approximately 68 kD) is associated
with the binding of Ti released from Ti-6Al-4V implant alloy. The role of serum or tissue
proteins in the mediation of metal-induced effects remains largely unknown.
It has been repeatedly demonstrated that elevations in serum and urine metal content are
associated with total joint replacement components. The toxicological importance of these findings are not known. Currently, there is limited information in the literature that describes the
chemical form of the degradation products of metallic joint replacement prostheses. Ultimately,
toxicological experiments using relevant chemical species identified by bioavailability studies
will be used in animal models and cell cultures to define specific toxicities of the degradation
products. However, at the present time this information is not available.
Homogenates of organs and tissues obtained postmortem from subjects with cobalt base
alloy total joint replacement components have indicated that significant increases in cobalt and
chromium concentrations occur in the heart, liver, kidney, spleen, and lymphatic tissue (Table
5). Similarly, patients with titanium base alloy implants demonstrated elevated titanium, aluminum, and vanadium levels around their metal implants (with up to 200 ppm of titanium, six
orders of magnitude greater than that of controls; 880 ppb of aluminum; and 250 ppb of vanadium). Spleen aluminum levels and liver titanium concentrations can also be markedly elevated
in patients with failed titanium alloy implants. It has been found that even in the absence of
significant elevations in serum metal concentrations, deposition of metal can occur locally and
in remote organ stores in association with a well-functioning device.

VII. PARTICLE RELEASE AND DISTRIBUTION
Polyethylene particles are generally recognized as the most prevalent particles in the periprosthetic milieu; however, metallic particulate species are also present in variable amounts and
may have important sequelae. When present in sufficient amounts, particulates generated by
wear, corrosion, or a combination of processes can induce the formation of an inflammatory,
foreign body granulation tissue with the ability to invade the bone–implant interface. This can
result in progressive, periprosthetic bone loss that threatens the fixation of both cemented and
cementless devices, limiting the survivorship of total joint replacement prostheses.
Consequently, particulate wear debris of metal alloys used in prosthetic components has
been the subject of intense study concerning their role in bone resorption and aseptic loosening.
The clinical significance of corrosion at the modular head/neck junction lies, in part, in the
effects that solid corrosion products increase the particulate burden within the joint and migrate
along bone–implant interface membranes to sites remote from their origin. They can also migrate
to the prosthetic bearing surface where they may result in three-body wear, thereby increasing

80

Hallab et al.

the production of polyethylene debris. All of these factors can contribute to periprosthetic bone
loss and aseptic loosening.
Numerous case reports document the presence of metallic, ceramic, or polymeric wear
debris from hip and knee prostheses in regional and pelvic lymph nodes. Postmortem studies
have demonstrated dissemination of wear particles to the liver, spleen, or abdominal lymph
nodes in patients who have a total hip or knee replacement [27–29]. These studies also revealed
both metallic and polyethylene wear particles in the para-aortic lymph nodes of approximately
90% of patients with a joint replacement prosthesis, whereas metallic wear particles alone were
present in the para-aortic lymph nodes of approximately 70% of patients with a hip or knee
implant. Of these approximately 40% of TJA patients were reported to have particles disseminated to the liver or spleen. Most disseminated metallic particles have been reported to be less
than 1m in size, but the range of particle sizes is material dependent. Particles of commercially
pure Ti and Ti–Al–V alloy may range from 0.1 m to as large as 50 m in the lymph nodes
and as large as 10 m in the liver and spleen. In contrast, particles of cobalt–chromium and
stainless steel alloys rarely exceed 3 m. The response to metallic (and polymeric) debris in
lymph nodes includes immune activation of macrophages and associated production of inflammatory cytokines. Metallic and polyethylene wear particles in the liver or spleen are more
prevalent in patients who have had a previously failed reconstruction when compared to patients
with primary hip or knee arthroplasties [30]. While there have been numerous investigations
concerning particulate debris in periprosthetic tissues, particularly with regard to the phenomenon
of particle-induced, macrophage-mediated inflammation and osteolysis, relatively little is known
about the dissemination of wear debris beyond the local tissues. Identification of orthopedic
wear debris can be difficult, even in regional lymph nodes, due to the coexistence of particles
from other sources.
The clinical significance of orthopedic wear debris accumulation at remote sites has been
understood based largely on examination of lymph nodes biopsied at revision surgery or for
cancer staging in patients who also happened to have a total joint replacement. Numerous case
reports document the presence of metallic, ceramic, or polymeric wear debris from hip and knee
prostheses in regional and pelvic lymph nodes (along with the findings of lymphadenopathy,
gross pigmentation due to metallic debris, fibrosis, lymph node necrosis, and histiocytosis,
including complete effacement of nodal architecture). The inflammatory response to metallic
and polymeric debris in lymph nodes has been demonstrated to include immune activation of
macrophages and associated production of cytokines. Accumulation of debris in remote organs
and lymph nodes may explain, in part, past observations suggesting that circulating peripheral
blood monocytes from patients with joint replacements are more reactive to particulate wear
debris stimulation than monocytes from individuals without implants [31–36].

VIII. LOCAL EFFECTS OF IMPLANT CORROSION
A. Soluble Corrosion Debris
The tissues surrounding modern implants may include areas of bone ingrowth (osseointegration),
fibrous encapsulation, and a variable presence of the foreign body responses. There are no
generalizable types of metal release that are known to occur with all metallic implants. However,
accelerated corrosion and a tissue response that can be directly related to identifiable corrosion
products have been demonstrated in the tissues surrounding multipart devices.
In vitro investigations indicate that specific metals in ionic form can affect the functionality
of a variety of peri-implant cells such as fibroblasts, osteoblasts, macrophages, and lymphocytes
within the ranges of metal concentrations reported to exist in periprosthetic tissue. Generally,
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the most toxic metal ions have been found to be Ni, Fe, Cu, Mn, and V, while others such as
Na, Cr, Mg, Mo, Al, Ta, and Co demonstrate relatively less cellular reactivity in vitro. Different
metals act through different cellular mechanisms to induce distinct responses. There is mounting
evidence that adverse local and remote tissue responses, which in the past have been entirely
associated with metal particles, to some extent may be due to soluble forms of specific metal
degradation products [37,38]. However, the effect of soluble metals on periprosthetic cells is a
complex function of cell type, composition, and concentration of metal. In vitro investigation
has determined the stimulatory effect of some metals (e.g., Al and V) on cells such as lymphocytes and fibroblasts, while the same metals (and concentrations) can suppress the viability and
proliferation of other cell types (e.g., osteoblast-like cells). This differential impact of metal
ions on some cell types and not others (particularly fibroblasts and osteoblasts) may potentially
explain how fibrous membranes so readily form around implants initially placed in intimate
contact with bone (i.e., osteoblasts). Adverse local and remote tissue responses purportedly
associated with particulate debris may be due in part to specific soluble metals resulting from
implant degradation.
High concentrations of metals negatively impact all types of cells at some level [39–50].
For certain cell types, such as human osteoblasts, these effects have been somewhat characterized. One of the main functions of osteoblasts (if not the main function) is to produce organic
bone matrix, 90% of which is type I collagen. Type I collagen is comprised of three helical
chains. Two of the three helical protein chains are ␣1[I]. The third chain, ␣2[I], is similar in
structure yet genetically distinct from ␣1[I]. Metal particles and ions have been found to decrease
gene expression of procollagen ␣1[I] before decreases could be observed in other more osteoblast-specific markers of bone deposition, such as gene expression of osteocalcin, osteonectin,
and alkaline phosphatase [51–53]. Other metal-induced effects on osteoblasts have been noted,
such as the production of cytokines which recruit, prime, and activate inflammatory cells. Interleukin-6 is secreted by osteblasts in response to Al, Fe, Mn, Na, Ni, and V chloride solutions
(more toxic metals). The concentrations of metal ions associated with toxic osteoblast responses
can be detected within some ranges of metal concentrations reported to exist in periprosthetic
tissue (Table 4) [46]. Comparison of the effects of metal ions on osteoblasts to the effects of
particles previously reported [54 demonstrates the potential of specific metal ions released from
implants or particulate implant debris to play a clinical role in the pathogenesis of osteolysis.
This contention is supported by past investigations where metal ions such as Al, V, and Ti have
been shown to inhibit apatite formation in vitro by binding and blocking potential crystal growth
sites. This poisoning of crystal growth sites by metal ions may thus act to interfere with normal
in vivo osteoid mineralization and remodeling process of bone [55,56]. Whether through indirect
osteoclast activation (i.e., IL-6 release via osteoblasts) or direct inhibitory effects on osteoblasts,
it is apparent that metal ions released from implants have the potential to diminish bone formation, which previously has been largely attributed to particulate implant debris alone.
Important to the assessment of metal-induced osteolysis is the role of other peri-implant
cells such as fibroblasts, osteoclasts, macrophages, and lymphocytes, which, after exposure to
metal ions, may affect osteoblast function through paracrine mediators [40]. Although osteoclast
activity has been reportedly impaired by exposure to metal ions at sublethal concentrations [43],
these effects may be overridden by metal-induced autocrine and paracrine induction of IL-6,
which can act to directly stimulate osteoclast activity. Thus, further study using mixed cell
populations is required to more comprehensively assess released implant metal effects within
the peri-implant milieu.
B. Particulate Debris Corrosion
Histological sections of the tissues surrounding stainless steel internal fixation devices generally
show encapsulation by a fibrous membrane with little or no inflammation over most of the
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device. At screw–plate junctions, however, the membranes often contain macrophages, foreign
body giant cells, and a variable number of lymphocytes in association with two types of corrosion
products: iron containing granules and microplates of relatively larger particles of a chromium
compound(s).
Chromium microplates are of variable morphology and are found within the tissues as
closely packed, platelike particle aggregates ranging in size from 0.5 to 5.0 m. They are often
found free within acellular collagen or within frankly necrotic tissue. Several multinucleated
foreign body giant cells are usually present within or bordering collections of these particles.
In hematoxylin and eosin preparations, the majority of microplates are yellow or apple-green.
Many microplates, however, stain darkly with hematoxylin and these microplates also react
strongly to staining for iron. Electron microprobe energy dispersive x-ray analyses indicate that
microplates are a chromium compound containing iron and a substantial amount of phosphorus.
Iron granules are often seen surrounding chromium microplates, but the granules are found
alone as well. Iron granules are yellow-brown, mainly spherical, and 0.1 to 3 m in diameter.
They are predominantly intracellular, most often in macrophages, but may also be found in
fibrocytes. X-ray diffraction indicates that the granules consist of a mixture of two or more
of the iron oxides, ␣Fe2O3 and Fe2O3, and the hydrated iron oxides ␣Fe2O3 䡠 H2O and
Fe2O3 䡠 H2O.
Particles of the chromium–phosphate hydrate–rich material can be found at the bearing
surface of the UHMWPE acetabular liners, suggesting they may participate in articular surface
three-body wear resulting in an increased production of polyethylene debris. Particles of the
chromium–phosphate hydrate–rich corrosion product found in tissues range in size from submicrometer to aggregates of particles up to 500 m. These particles are similar in appearance
to the chromium–containing microplates observed in association with corroded stainless steel
implants when viewed through a light microscope. Larger particles are often found within areas
of marked fibrosis or necrosis or associated with foreign body giant cells, although most of
these particles are less than 5 m in size and are found within macrophages.
The degradation products that can be observed in histologic sections of tissues adjacent
to titanium base alloys are of a different nature than the precipitates associated with stainless
steel and cobalt base alloys that have undergone accelerated corrosion. Titanium base alloys,
although very corrosion resistant, typically discolor (darkly stain) adjacent tissue due to metallic
debris. Examination has found that the ratios of titanium, aluminum, and vanadium concentrations in the periprosthetic tissues are similar to those of the bulk alloy. This suggests that the
metallic debris represented wear particles from the head or stem rather than precipitated corrosion
products. This wear debris presents enormous surface areas for electrochemical dissolution. This
additional metal available for dissolution is likely a major factor contributing to observed systemic elevations in titanium (Table 5).

IX. SYSTEMIC EFFECTS OF CORROSION
A. General Considerations
The concern about the release and distribution of metallic degradation products is justified by the
known potential toxicities of the elements used in modern orthopedic implant alloys—titanium,
aluminum, vanadium, cobalt, chromium, and nickel. Broad reviews of the toxicology of these
elements are available [57,58] and are summarized below. In general terms, metal toxicity
may be by virtue of (1) metabolic alterations, (2) alterations in host–parasite interactions, (3)
immunologic interactions of metal moieties by virtue of their ability to act as haptens (specific
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immunological activation) or antichemotactic agents (nonspecific immunological suppression)
[59,60], and (4) by chemical carcinogenesis [61].
Cobalt, chromium, nickel, and vanadium are all essential trace metals in that they are
required for certain enzymatic reactions [62]. In excessive amounts however, these elements
are also toxic. Excessive cobalt may lead to polycythemia [63], hypothyroidism [63], cardiomyopathy, and carcinogenesis [64,65]. Chromium can lead to nephropathy, hypersensitivity, and
carcinogenesis [66,67]. Nickel can lead to eczematous dermatitis, hypersensitivity, and carcinogenesis [68]. Vanadium can lead to cardiac and renal dysfunction, and has been associated with
hypertension [69] and depressive psychosis [70]. The nonessential metallic elements also possess
specific toxicities. Titanium, although generally regarded as inert, has been associated with
pulmonary disease in patients with occupational exposure [71] and in animal models [72].
Aluminum toxicity is well documented in the setting of renal failure and can lead to anemia
[73], osteomalacia [74], and neurological dysfunction, possibly including Alzheimer’s disease
[75]. However, considering the litany of documented toxicities of these elements, it is important
to remember that the toxicities generally apply to soluble forms of these elements and may not
apply to the chemical species that are the degradation products of prosthetic implants.

B. Immunogenicity of Metallic Implants
Some adverse responses to orthopedic biomaterial corrosion are subtle and continue to foster
debate and investigation. One of these responses is ‘‘metal allergy,’’ or hypersensitivity to
metallic biomaterial degradation. Dermal hypersensitivity to metal is common, affecting about
10–15% of the population [76–79]. Dermal contact and ingestion of metals have been reported
to cause immune reactions, which most typically manifest as skin hives, eczema, redness, and
itching [76,80,81]. As previously stated, all metals in contact with biological systems corrode
[82,83 and the released soluble products, while not sensitizers on their own, can activate the
immune system by forming complexes with native proteins [78,84,85]. These metal–protein
complexes are considered to be candidate antigens (or, more loosely termed, allergens) for
eliciting hypersensitivity responses. Metals known as sensitizers include beryllium [86], nickel
[79–81,86], cobalt [86], and chromium [86], while occasional responses have been reported to
tantalum [87], titanium [88,89], and vanadium [87]. Nickel is the most common metal sensitizer
in humans followed by cobalt and chromium [76,79–81]. The prevalence of metal sensitivity
among the general population is approximately 10–15%, with nickel sensitivity the highest
(approximately 14%) [76]. Cross-reactivity between nickel and cobalt is most common [76,78].
The amounts of these metals found in medical grade alloys were shown in Table 2.
Hypersensitivity can be either an immediate (within minutes) humoral response (initiated
by antibody or formation of antibody–antigen complexes of types I, II, and III reactions) or a
delayed (hours to days) cell-mediated response [90,91]. It is the latter response with which
implant related hypersensitivity reactions are generally associated, in particular type IV delayed
type hypersensitivity (DTH).
Cell-mediated delayed type hypersensitivity is characterized by antigen activation of sensitized TDTH lymphocytes releasing various cytokines, which result in the recruitment and activation of macrophages. TDTH lymphocytes are subset populations of T helper (TH) lymphocytes
purported to be of the CD4Ⳮ TH-1 subtype (and in rare instances CD8Ⳮ, cytotoxic T cells,
TC). This TH-1 subpopulation of T cells is characterized by their cytokine release profile, e.g.,
interferon-␥ (IFN-␥), tumor necrosis factor ␣ (TNF-␣), interleukin-1 (IL-1), and interleukin-2
(IL-2). TH-1 cells are generally associated with responses to intracellular pathogens and autoimmune diseases. Although TH-1 cells mediate a DTH reaction, only 5% of the participating cells
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are antigen-specific T cells within a fully developed DTH response. The majority of DTH
participating cells are macrophages.
Metals from implant corrosion have been shown in case studies to be temporally associated
with specific responses such as severe dermatitis, urticaria, vasculitis [92–97], and/or nonspecific
immune suppression [59,60,98,99].
Generally there are more case reports of hypersensitivity reactions associated with stainless
steel and cobalt alloy implants than with titanium alloy components [77,78,92–95,100–104].
One such case report implicated cobalt hypersensitivity in the poor performance of cobalt alloy
plates and screws used in the fracture fixation of a 45-year-old woman’s left radius and ulna.
In this case the patient presented with periprosthetic fibrosis, patchy muscular necrosis, and
chronic inflammatory changes peripherally 7 years after implantation. After removal of all metal
hardware, the swelling disappeared and eventually the patient became complaint-free. However,
there remained a hypersensitivity to cobalt as evaluated by patch testing [97].
This and similar case reports prompted a number of larger patient cohort studies in the
late 1970s and 1980s investigating the possible correlation between metal sensitivity and implant
failure [77,105–116]. Data (from these different investigations) regarding the prevalence of
metal sensitivity are compiled in Fig. 5. Unfortunately, these studies include heterogeneous
patient populations and testing methodologies and consequently reach a variety of conclusions.
However, all patient populations included in Fig. 5 were metal allergy tested to one or a combination of metals including nickel, cobalt, and/or chromium after receiving an implant. The prevalence of metal sensitivity among patients with well-functioning implants is approximately 25%,
roughly twice as high as that of the general population [101,105,107,109,111,114,115,117,118].
Overall, the prevalence of metal sensitivity in patients with failed or failing implants is approximately six times that of the general population and approximately two to three times that of all
patients with metal implants. This association does not prove cause and effect; that is, are these
patients sensitive because the device has failed, or has the device failed because the patient
had a preexisting metal sensitivity, or are alternative dominating mechanisms (e.g., genetic
autoimmunity) responsible for both?
Specific types of implants with greater propensity to corrode and/or release metal in vivo
may be more prone to induce metal sensitivity. Failures of total hip prostheses with metal-onmetal bearing surfaces have been associated with greater prevalence of metal sensitivity than
similar designs with metal–on–ultrahigh molecular weight polyethylene bearing surfaces
[105,118]
It is unclear whether hypersensitivity responses to metallic biomaterials affect implant
performance in other than a few highly predisposed people [78,90,119]. It is clear that some
patients experience excessive eczemic immune reactions directly associated with implanted
metallic materials [77,92,94,95,97,104]. Metal sensitivity may exist as an extreme complication
in only a few highly susceptible patients (i.e., less than 1% of joint replacement recipients), or
it may be a more common subtle contributor to implant failure. Continuing improvements in
immunologic testing methods will likely enhance future assessment of patients susceptible to
hypersensitivity responses. The importance of this line of investigation is growing, as the use
of metallic implants is increasing and as expectations of implant durability and performance
increase [120].
C. Carcinogenesis
The carcinogenic potential of the metals used in TJA and other implants (e.g., nickel–titanium
alloy arterial stents) remains an area of concern. Animal studies have documented the carcinogenic potential of orthopedic implant materials. Small increases in rat sarcomas were noted to
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Figure 5 The bars indicate the averaged percentages of metal sensitivity (for nickel, cobalt, or chromium)
among the general population and total arthroplasty patients with poor and well-functioning implants based
on a number of published reports. Note that the average incidence of metal sensitivity is 10, 25, and 60%
for the population at large, patients with well-functioning total joint prostheses, and patients with poorly
functioning implants, respectively.

correlate with high serum cobalt, chromium, or nickel content from metal implants. Furthermore,
lymphomas with bone involvement were also more common in rats with metallic implants.
Implant site tumors in dogs and cats, primarily osteosarcoma and fibrosarcoma, have been
associated with stainless steel internal fixation devices.
Initially, epidemiological studies implicated cancer incidence in the first and second decades following total hip replacement. However, larger more recent studies have found no
significant increase in leukemia or lymphoma; however, these studies did not include as large
a proportion of subjects with a metal-on-metal prosthesis. There are constitutive differences in
the populations with and without implants that are independent of the implant itself, which
confound the interpretation of epidemiological investigations.
The association of metal release from orthopedic implants with carcinogenesis remains
conjectural since causality has not been definitely established in human subjects. The identifica-
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tion of such an association depends both on the availability of comparative epidemiology and
on the ability to perform tests on the patient before and after device removal. Due to a number
of factors such as patient age, the actual number of reported cases of tumors associated with
orthopedic implants is likely underreported. However, with respect to the number of devices
implanted on a yearly basis the incidence of cancer at the site of implantation is relatively rare.
Continued surveillance and longer-term epidemiological studies are required to fully address
these issues.

X. FUTURE DIRECTIONS AND CONCLUSIONS
Corrosion of orthopedic implants remains a significant clinical concern. Even though past implant
alloys have been replaced with modern corrosion-resistant ‘‘super alloys,’’ deleterious corrosion
processes have been observed in certain clinical settings. There is reason to believe that attention
to (1) metallurgical processing variables, (2) tolerances of modular connections, (3) surface
processing modalities, and (4) appropriate material selection, all can diminish corrosion and
minimize the potential for adverse clinical outcome. The potential exists for future surface
treatments (e.g., nitriding, ion implantation, etc.) to significantly reduce the magnitude of fretting
corrosion of titanium alloy and other metal implant devices.
There remains a need to further investigate the mechanical-electrochemical interactions
of metal surfaces. Characterization of the stresses and motion needed to fracture passivating
oxide films as well as the effects of repeated oxide abrasion on the electrochemical behavior
of the interface and ultimately the implant continue to be actively investigated. Evaluating the
role of particulate corrosion products in adverse local tissue reactions also requires continuing
investigation. Thus further clinical retrieval studies and in vitro cell culture experiments are
needed to more fully characterize this relationship. Finally, the clinical significance of metal
release and elevated metal content in body fluids and remote organs of patients with metallic
implants needs to be elucidated. Considerable work will be required in discerning the chemical
form(s) of released metal and the nature of its ligands to ultimately resolve questions of potential
toxicity.
It is important to note that when evaluating the corrosion and biocompatibility of a particular metal component, the results do not necessarily apply to all implants made of the same
material. The definition of ‘‘biocompatibility’’ remains the ability of a material to demonstrate
host and material response appropriate to its intended application. Poor implant performance
can be attributed to many factors, which include manufacturing errors, mechanical design errors,
surgical errors, and inappropriate choice of material for a given application. Wise material
selection cannot compensate for poor implant design or surgical error. It must be emphasized
that currently there is no universal ‘‘best’’ metal for all implant applications. Ultimately, the
most prudent choice of a corrosion-resistant metal for a particular application depends on careful
evaluation of which specific mechanical properties of available materials (in addition to corrosion
resistance) best satisfy the in situ demands and design characteristics of a particular implant
component.

REFERENCES

1. Black J. Orthopaedic Biomaterials in Research and Practice. New York: Churchill Livingstone,
1988.

Corrosion and Biocompatibility of Implants

87

2. Jacobs JJ, Gilbert JL, Urban RM. Corrosion of metal orthopaedic implants. J Bone Joint Surg [Am]
1998; 80:268–282.
3. Lacombe P. Corrosion and oxidation of Ti and Ti alloys. In: . Williams JC , Belor AF, eds. Titanium
and Titanium alloys. NY: Plenum Press, 1982:847–880.
4. Aladjem A. Review: anodic oxidation of titanium and its alloys. J Mater Sci 1973; 8:688–704.
5. Cabrera N, Mott NF. Physics 1948; 12:163–184.
6. Fraker A, Ruff AW, Yeager M. Studies of oxide film formation on titanium alloys in physiological
solutions. Corrosion Sci 1973; 11:763–765.
7. Brown GM, Thundat T, Allison DA, Warmack RJ. Electrochemical and in-situ atomic force microscopy investigation of titanium in oxalic acid. J Vac Sci Tech 1992; 10:3001–3006.
8. Healy KE, Ducheyne P. The mechanisms of passive dissolution of titanium in model physiologic
environment. J Biomed Mater Res 1992; 26:181–186.
9. Williams RL, Brown SA, Merritt K. Electrochemical studies on the influence of proteins on the
corrosion of implant alloys. Biomaterials 1988; 9:181–186.
10. Wishey A, Gregson PJ, Peter LM. Effect of surface treatment on the dissolution of titanium based
implant materials. Biomaterials 1991; 12:470–473.
11. MacDonald JR. Impedance Spectroscopy. NY: Wiley Interscience, 1987.
12. Gilbert JL, Smith SM, Lautenschlager EP. Scanning electrochemical microscopy of metallic biomaterials: reaction rate and ion release imaging modes. J Biomed Mater Res 1993; 27:1357–1366.
13. Bard AJ, Faulkner AJ. Electrochemical Methods. NY: John Wiley and Sons, 1980.
14. Lewis G, Daigle K. Electrochemical behavior of T-6Al-4V alloy in static biostimulating solutions.
J Biomed Mater Res Appl Biomat 1993; 4:47–54.
15. Bundy K. Bone prosthesis and implant materials. In: editor. Cowin SC. Bone Mechanics. Boca
Raton: CRC Press Inc., 1989:160–184.
16. Park JB. Biomaterials Science and Engineering. New York: Plenum Press, 1984.
17. Silver FH, Christiansen DL. Biomaterials Science and Biocompatibility. New York: Springer, 1999.
18. Breme J, Biehl V. Metallic biomaterials. In: . Black J , Hastings G, eds. Handbook of Biomaterial
Properties. London: Chapman and Hall, 2001:135–214.
19. Black J. Biomaterials. New York: Marcel Dekker, 1992.
20. Black J. Prosthetic Materials. New York: VCH Publishers, 1996.
21. Gilbert JL, Buckley CA, Jacobs JJ, Bertin KC, Zernich MR. Intergranular corrosion-fatigue failure
of cobalt-alloy femoral stems. A failure analysis of two implants. J Bone Joint Surg [Am] 1994;
76:110–115.
22. Collier JP, Suprenant VA, Jensen RE, Mayor MB, Suprenant HP. Corrosion between the components
of modular femoral hip prosthesis. J. Bone Joint Surg. 1992; 74B:511–517.
23. Gilbert JL, Buckley CA, Jacobs JJ. In vivo corrosion of modular hip prosthesis components in
mixed and similar metal combinations. The effect of crevice, stress, motion, and alloy coupling. J
Biomed Mater Res 1993; 27:1533–1544.
24. Gilbert JL, Jacobs J. The mechanical and electrochemical processes associated with taper fretting
crevice corrosion: a review. In:. ASTM STP 1301 Modularity of Orthopedic Implants. Philidelphia:
ASTM, 1997:45–59.
25. Hallab NJ, Jacobs JJ, Skipor A, Black J, Mikecz K, Galante JO. Systemic metal–protein binding
associated with total joint replacement arthroplasty. J Biomed Mater Res 2000; 49:353–361.
26. Hallab NJ, Mikecz K, Akrami J, Jacobs J. Differential metal release and protein binding associated
with titanium and cobalt–chromium implant alloys. Trans 46th Orthop Res Soc. Orlando. Fl, 2000.
27. Urban RM, Jacobs J, Gilbert JL, Rice SB, Jasty M, Bragdon CR, Galante GO. Characterization of
solid products of corrosion generated by modular-head femoral stems of different designs and
materials. In: Marlowe DE , Parr JE editors, Mayor MB, eds. STP 1301 Modularity of Orthopedic
Implants. Philadelphia: ASTM, 1997:33–44.
28. Urban RM, Jacobs JJ, Tomlinson MJ, Gavrilovic J, Black J, Peoc’h M. Dissemination of wear
particles to the liver, spleen, and abdominal lymph nodes of patients with hip or knee replacement.
J Bone Joint Surg [Am] 2000; 82:457–476.

88

Hallab et al.

29. Urban RM, Jacobs JJ, Gilbert JL, Galante JO. Migration of corrosion products from modular hip
prostheses. Particle microanalysis and histopathological findings. J Bone Joint Surg [Am] 1994;
76:1345–1359.
30. Jasty M, Goetz DD, Bragdon CR, Lee KR, Hanson AE, Elder JR, Harris WH. Wear of polyethylene
acetabular components in total hip arthroplasty. An analysis of one hundred and twenty-eight components retrieved at autopsy or revision operations [see comments]. J Bone Joint Surg Am 1997; 79:
349–358.
31. Jacobs JJ, Urban RM, Gilbert JL, Skipor AK, Black J, Jasty M, Galante JO. Local and distant
products from modularity. Clin Orthop 1995; 319:94–105.
32. Jacobs JJ, Skipor AK, Urban RM, Black J, Manion LM, Starr A, Talbert LF, Galante JO. Systemic
distribution of metal degradation products from titanium alloy total hip replacements: an autopsy
study. Trans Orthop Res Soc 1994:838.
33. Stulberg BN, Merritt K, Bauer T. Metallic wear debris in metal-backed patellar failure. J Biomed
Mater Res Appl Biomater 1994; 5:9–16.
34. Shanbhag AS, Jacobs JJ, Black J, Galante JO, Glant TT. Human monocyte response to particulate
biomaterials generated in vivo and in vitro. J Orthop Res 1995; 13:792–801.
35. Urban RM, Jacobs J, Gilbert JL, Rice SB, Jasty M, Bragdon CR, Galante GO. Characterization of
solid products of corrosion generated by modular-head femoral stems of different designs and
materials. In: Marlowe DE , Parr JE editors, Mayor MB, eds. STP 1301 Modularity of Orthopedic
Implants. Philadelphia: ASTM, 1997:33–44.
36. Urban RM, Jacobs JJ, Tomlinson MJ, Gavrilovic J, Black J, Peoc’h M. Dissemination of wear
particles to the liver, spleen, and abdominal lymph nodes of patients with hip or knee replacement.
J Bone Joint Surg [Am] 2000; 82:457–476.
37. Sunderman FW, Hopfer SM, Swift T, Rezuke WN, Ziebka L, Highman P, Edwards B, Folcik M,
Gossling HR. Cobalt, chromium, and nickel concentrations in body fluids of patients with porouscoated knee or hip prostheses. J Orthop Res 1989; 7:307–315.
38. Hallab NJ, Jacobs JJ, Skipor A, Black J, Mikecz K, Galante JO. Systemic metal–protein binding
associated with total joint replacement arthroplasty. J Biomed Mater Res 2000; 49:353–361.
39. Sun ZL, Wataha JC, Hanks CT. Effects of metal ions on osteoblast-like cell metabolism and differentiation. J Biomed Mater Res 1997; 34:29–37.
40. Wataha JC, Hanks CT, Sun Z. Effect of cell line on in vitro metal ion cytotoxicity. Dent Mater
1994; 10:156–161.
41. Wataha JC, Hanks CT, Craig RG. In vitro effects of metal ions on cellular metabolism and the
correlation between these effects and the uptake of the ions. J Biomed Mater Res 1994; 28:427–433.
42. Wataha JC, Hanks CT, Craig RG. The effect of cell monolayer density on the cytotoxicity of metal
ions which are released from dental alloys. Dent Mater 1993; 9:172–176.
43. Nichols KG, Puleo DA. Effect of metal ions on the formation and function of osteoclastic cells in
vitro. J Biomed Mater Res 1997; 35:265–271.
44. Thompson GJ, Puleo DA. Ti-6Al-4V ion solution inhibition of osteogenic cell phenotype as a
function of differentiation timecourse in vitro. Biomaterials 1996; 17:1949–1954.
45. Thompson GJ, Puleo DA. Effects of sublethal metal ion concentrations on osteogenic cells derived
from bone marrow stromal cells. J Appl Biomater 1995; 6:249–258.
46. Puleo DA, Huh WW. Acute toxicity of metal ions in cultures of osteogenic cells derived from bone
marrow stromal cells. J Appl Biomater 1995; 6:109–116.
47. Morais S, Dias N, Sousa JP, Fernandes MH, Carvalho GS. In vitro osteoblastic differentiation of
human bone marrow cells in the presence of metal ions. J Biomed Mater Res 1999; 44:176–190.
48. Morais S, Sousa JP, Fernandes MH, Carvalho GS, de Bruijn JD, van Blitterswijk CA. Effects of
AISI 316L corrosion products in in vitro bone formation. Biomaterials 1998; 19:999–1007.
49. Morais S, Sousa JP, Fernandes MH, Carvalho GS. In vitro biomineralization by osteoblast-like
cells. I. Retardation of tissue mineralization by metal salts. Biomaterials 1998; 19:13–21.
50. Wagner M, Klein CL, van Kooten TG, Kirkpatrick CJ. Mechanisms of cell activation by heavy
metal ions. J Biomed Mater Res 1998; 42:443–452.
51. Roebuck KA, Vermes C, Carpenter LR, Fritz EA, Narayanan R, Glant TT. Down-regulation of
procollagen alpha1[I] messenger RNA by titanium particles correlates with nuclear factor kappaB

Corrosion and Biocompatibility of Implants

52.

53.

54.

55.
56.
57.
58.
59.
60.
61.
62.
63.
64.
65.
66.
67.
68.
69.
70.
71.

72.
73.

74.
75.
76.
77.

89

(NF-kappaB) activation and increased rel A and NF-kappaB1 binding to the collagen promoter. J
Bone Miner Res 2001; 16:501–510.
Vermes C, Chandrasekaran R, Jacobs JJ, Galante JO, Roebuck KA, Glant TT. The effects of
particulate wear debris, cytokines, and growth factors on the functions of MG-63 osteoblasts. J
Bone Joint Surg Am 2001; 83:201–211.
Vermes C, Roebuck KA, Chandrasekaran R, Dobai JG, Jacobs JJ, Glant TT. Particulate wear debris
activates protein tyrosine kinases and nuclear factor kappaB, which down-regulates type I collagen
synthesis in human osteoblasts. J Bone Miner Res 2000; 15:1756–1765.
Vermes C, Chandrasekaran R, Carpenter C, Jacobs JJ, Galante JO, Roebuck KA, Glant TT. Altered
osteoblast functions achieved by phagocytosis of particulate wear debris, proinflammatory cytokines
and growth factors. J Bone Joint Surg [Am] 2000.
Blumenthal NC, Cosma V. Inhibition of apatite formation by titanium and vanadium ions. J Biomed
Mater Res 1989; 23:13–22.
Blumenthal NC, Cosma V. The effect of aluminum and gallium ions on the mineralization process.
Bull Hosp Joint Dis Orthop Inst 1989; 49:192–204.
Williams DF. Biological effects of titanium. In: , editor. Williams DF. Systemic Aspects of Biocompatibility. Boca Raton: CRC Press, 1981:169–177.
Gitelman H. Aluminum and Health, a Critical Review. New York: Dekker, 1989.
Gillespie WJ, Frampton CM, Henderson RJ, Ryan PM. The incidence of cancer following total hip
replacement. J Bone Joint Surg [Br] 1988; 70:539–542.
Bravo I, Carvalho GS, Barbosa MA, de Sousa M. Differential effects of eight metal ions on lymphocyte differentiation antigens in vitro. J Biomed Mater Res 1990; 24:1059–1068.
Sinibaldi K, Rosen H, Liu SK, DeAngelis M. Tumors associated with metallic implants in animals.
Clin Orthop 1976:257–266.
Luckey TD, Venugopal B. Metal Toxicity in Mammals. NY: Plenum, 1979.
Sederholm T, Kouvalainen K, Lamberg BA. Cobalt-induced hypothyroidism and polycythemia in
lipoid nephrosis. Acta Med Scand 1968; 184:301–306.
Hartwig A. Carcinogenicity of metal compounds: possible role of DNA repair inhibition. Toxicol
Lett 1998; 102–103:235–239.
Hayes RB. The carcinogenicity of metals in humans. Cancer Causes Control 1997; 8:371–385.
Costa M. Toxicity and carcinogenicity of Cr(VI) in animal models and humans. Crit Rev Toxicol
1997; 27:431–442.
Beyersmann D. Interactions in metal carcinogenicity. Toxicol Lett 1994; 72:333–338.
Sunderman FW. Carcinogenicity of metal alloys in orthopedic prosthesis: clinical and experimental
studies. Fundam Appl Toxicol 1989; 13:205–216.
Jandhyala BS, Hom GJ. Minireview. Physiological and pharmacological properties of vanadium.
Life Sci 1983; 33:1325–1340.
Naylor GJ, Smith AH, Bryce-Smith D, Ward NI. Tissue vanadium levels in manic-depressive
psychosis. Psychol Med 1984; 14:767–772.
Garabrant DH, Fine LJ, Oliver C, Bernstein L, Peters JM. Abnormalities of pulmonary function
and pleural disease among titanium metal production workers. Scand J Work Environ Health 1987;
13:47–51.
Lee KP, Henry NW, III, Trochimowicz HJ, Reinhardt CF. Pulmonary response to impaired lung
clearance in rats following excessive TiO2 dust deposition. Environ Res 1986; 41:144–167.
Altmann P, Plowman D, Marsh F, Cunningham J. Aluminium chelation therapy in dialysis patients:
evidence for inhibition of haemoglobin synthesis by low levels of aluminium. Lancet 1988; 1:
1012–1015.
Coburn JW, Norris KC, Nebeker HG. Osteomalacia and bone disease arising from aluminum. Semin
Nephrol 1986; 6:68–89.
Good PF, Perl DP. Aluminium in Alzheimer’s?. Nature 1993; 362:418.
Basketter DA, Briatico-Vangosa G, Kaestner W, Lally C, Bontinck WJ. Nickel, cobalt and chromium
in consumer products: a role in allergic contact dermatitis?. Contact Dermatitis 1993; 28:15–25.
Cramers M, Lucht U. Metal sensitivity in patients treated for tibial fractures with plates of stainless
steel. Acta Orthop Scand 1977; 48:245–249.

90

Hallab et al.

78. Merritt K, Rodrigo JJ. Immune response to synthetic materials. Sensitization of patients receiving
orthopaedic implants. Clin Orthop Rel Res 1996; 326:71–79.
79. Gawkrodger DJ. Nickel sensitivity and the implantation of orthopaedic prostheses. Contact Dermatitis 1993; 28:257–259.
80. Kanerva L, Sipilainen-Malm T, Estlander T, Zitting A, Jolanki R, Tarvainen K. Nickel release from
metals, and a case of allergic contact dermatitis from stainless steel. Contact Dermatitis 1994; 31:
299–303.
81. Haudrechy P, Foussereau J, Mantout B, Baroux B. Nickel release from nickel-plated metals and
stainless steels. Contact Dermatitis 1994; 31:249–255.
82. Black J. Systemic effects of biomaterials. Biomaterials 1984; 5:12–17.
83. Jacobs JJ, Gilbert JL, Urban RM. Corrosion of metallic implants. In: Stauffer RN, ed. Advances
in Orthopaedic Surgery, Vol. 2. St. Louis: Mosby, 1994:279–319.
84. Yang J, Black J. Competitive binding of chromium cobalt and nickel to serum proteins. Biomaterials
1994; 15:262–268.
85. Yang J, Merritt K. Production of monoclonal antibodies to study corrosion of Co–Cr biomaterials.
J Biomed Mater Res 1996; 31:71–80.
86. Liden C, Wahlberg JE, Maibach HI. Skin. New York: Academic Press, 1995.
87. Angle C. Organ-Specific Therapeutic Intervention. New York: Academic Press, 1995.
88. Lalor PA, Revell PA, Gray AB, Wright S, Railton GT, Freeman MA. Sensitivity to titanium. A
cause of implant failure. J Bone Joint Surg 1991; 73-B:25–28.
89. Parker AW, Drez-Jr D, Jacobs JJ. Titanium dermatitis after failure of a metal-backed patellas. Am
J Knee Surg 1993; 6:129–131.
90. Hensten-Pettersen A. Allergy and hypersensitivity. In: Morrey BF, ed. Biological, Material, and
Mechanical Considerations of Joint Replacements. New York: Raven Press, 1993:353–360.
91. Kuby J. Immunology. New York: W.H. Freeman and Company, 1991.
92. Merle C, Vigan M, Devred D, Girardin P, Adessi B, Laurent R. Generalized eczema from vitallium
osteosynthesis material. Contact Dermatitis 1992; 27:257–258.
93. King J, Fransway A, Adkins RB. Chronic urticaria due to surgical clips. New Engl J Med 1993;
329:1583–1584.
94. Barranco VP, Solloman H. Eczematous dermatitis from nickel. JAMA 1972; 220:1244.
95. Thomas RH, Rademaker M, Goddard NJ, Munro DD. Severe eczema of the hands due to an
orthopaedic plate made of Vitallium. Br Med J 1987; 294:106–107.
96. Abdallah HI, Balsara RK, O’Riordan AC. Pacemaker contact sensitivity: Clinical recognition and
management. Ann Thoracic Surg 1994; 57:1017–1018.
97. Halpin DS. An unusual reaction in muscle in association with a vitallium plate: a report of possible
metal hypersensitivity. J Bone Joint Surg 1975; 57-B:451–453.
98. Merritt K, Brown SA. Biological effects of corrosion products from metal. Philadelphia: American
Society for Testing and Materials, 1985.
99. Poss R, Thornhill TS, Ewald FC, Thomas WH, Batte NJ, Sledge CB. Factors influencing the
incidence and outcome of infection following total joint arthoplasty. Clin Orthop 1984:182.
100. Black J. Orthopaedic Biomaterials in Research and Practice. New York: Churchill Livingstone,
1988.
101. Elves MW, Wilson JN, Scales JT, Kemp HB. Incidence of metal sensitivity in patients with total
joint replacements. Br Med J 1975; 4:376–378.
102. Gordon PM, White MI, Scotland TR. Generalized sensitivity from an implanted orthopaedic antibiotic minichain containing nickel. Contact Dermatitis 1994; 30:181–182.
103. Peters MS, Schroeter AL, Hale HM, Broadbent JC. Pacemaker contact sensitivity. Contact Dermatitis
1984; 11:214–218.
104. Rostoker G, Robin J, Binet O, Blamutier J, Paupe J, Lessana-Liebowitch M, Bedouelle J, Sonneck
JM, Garrel JB, Millet P. Dermatitis due to orthopaedic implants. A review of the literature and
report of three cases. J Bone Joint Surg 1987; 69-A:1408–1412.
105. Benson MK, Goodwin PG, Brostoff J. Metal sensitivity in patients with joint replacement arthroplasties. Br Med J 1975; 4:374–375.

Corrosion and Biocompatibility of Implants

91

106. Brown GC, Lockshin MD, Salvati EA, Bullough PG. Sensitivity to metal as a possible cause of
sterile loosening after cobalt–chromium total hip-replacement arthroplasty. J Bone Joint Surg Am
1977; 59-A:164–168.
107. Deutman R, Mulder TH, Brian R, Nater JP. Metal sensitivity before and after total hip arthroplasty.
J Bone Joint Surg [Am] 1977; 59-A:862–865.
108. Kubba R, Taylor JS, Marks KE. Cutaneous complications of orthopedic implants. A two-year
prospective study. Arch Dermatol 1981; 117:554–560.
109. Mayor MB, Merritt K, Brown SA. Metal allergy and the surgical patient. Am J Surg 1980; 139:
477–479.
110. Merritt K, Brown S. Tissue reaction and metal sensitivity. Acta Orthop Scand 1980; 51:4103–4111.
111. Merritt K, Brown S. Metal sensitivity reactions to orthopedic implants. Int J Dermatol 1981; 20:
89–94.
112. Merritt K. Role of medical materials, both in implant and surface applications, in immune response
and in resistance to infection. Biomaterials 1984; 5:53–57.
113. Pinkston JA, Finch SC. A method for the differentiation of T and B lymphocytes and monocytes
migrating under agarose. Stain Technol 1979; 54:233–239.
114. Rooker GD, Wilkinson JD. Metal sensitivity in patients undergoing hip replacement. A prospective
study. J Bone Joint Surg 1980; 62-B:502–505.
115. Carlsson AS, Macnusson B, Moller H. Metal sensitivity in patients with metal-to-plastic total hip
arthroplasties. Acta Orthop Scand 1980; 51:57–62.
116. Fischer T, Rystedt I, Safwenberg J, Egle I. HLA-A, -B, -C and -DR antigens in individuals with
sensitivity to cobalt. Acta Derm Venereol (Stockh) 1984; 64:121–124.
117. Munro-Ashman D, Miller AJ. Rejection of metal to metal prosthesis and skin sensitivity to cobalt.
Contact Dermatiti 1976; 2:65.
118. Evans EM, Freeman MA, Miller AJ, Vernon-Roberts B. Metal sensitivity as a cause of bone necrosis
and loosening of the prosthesis in total joint replacement. J Bone Joint Surg 1974; 56-B:626–642.
119. Boyan BD. Discussion of Toxicity and Allergy. New York: Raven Press, 1993.
120. Black J. Prosthetic Materials. New York: VCH Publishers, Inc., 1996.
121. Michel R, Nolte M, Reich M, Loer F. Systemic effects of implanted prostheses made of cobalt–chromium alloys. Arch Orthop Trauma Surg 1991; 110:61–74.
122. Jacobs JJ, Silverton C, Hallab NJ, Skipor AK, Patterson L, Black J, Galante JO. Metal release and
excretion from cementless titanium alloy total knee replacements. Clin Orthop 1999; 358:173–180.
123. Jacobs JJ, Skipor AK, Patterson LM, Hallab NJ, Paprosky WG, Black J, Galante JO. Metal release
in patients who have had a primary total hip arthroplasty. A prospective, controlled, longitudinal
study. J Bone Joint Surg [Am] 1998; 80:1447–1458.

4
Technologies for the Surface Modification of
Biomaterials
Aron B. Anderson, Anthony W. Dallmier, Stephen J. Chudzik, Lise W. Duran,
Patrick E. Guire, Robert W. Hergenrother, Muhammad A. Lodhi, Amy E. Novak,
Ronald F. Ofstead, and Klaus Wormuth
SurModics, Inc.
Eden Prairie, Minnesota, U.S.A.

I. INTRODUCTION
Technological advances in biomaterials have enhanced both medical and pharmaceutical
applications. Many polymeric materials have been designed with the required mechanical
properties necessary for manufacturing medical devices. However, these materials are often
inadequate because of local and systemic reactions that occur at the harsh interface between
biological systems and the biomaterial surface. Consequently, the biotechnology revolution
of the past decade has spawned a vigorous interest in the emerging field of surface modification
science and interfacial dynamics.
Surface modification is the process of changing the existing characteristics of a material
surface to a more desirable characteristic. This could consist of changing a material from
being hydrophobic to hydrophilic or to creating a more biocompatible product on a medical
device. The concept of altering surface characteristics is not unique. Many methods have
been examined for coating biomaterials with a variety of synthetic polymers or biologically
active compounds. This can be done either by passivation to prevent biofouling or by
activation to incorporate a specific functionality into the interfacial environment. Using this
framework, our laboratory has developed many ways to modify the surfaces of various types
of materials. This chapter describes the various methods and technologies used in surface
modification at SurModics.

II. SURFACE MODIFICATION MATERIALS AND TECHNOLOGIES
A. Photochemical Coupling Chemistry for Biomaterials
Biomaterials, in general, are relatively inert to environmentally friendly thermochemical reactions since they are rich in hydrocarbon groups, namely, carbon–hydrogen bonds. High-energy,
short-lived reactive species, such as free radicals and diradicals, are advantageous for bond
formation with the surfaces of these materials. Desirable characteristics of these highly reactive
species make the technology (1) capable of stable bond formation with hydrocarbon groups;
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(2) rapid, versatile, and compatible with device manufacturing processes; (3) environmentally
friendly since it is reactive in aqueous solution and ambient conditions; and (4) subject to
reversible activation in useful reaction conditions (e.g., presence of water) for enhanced coupling
yield.
Photochemistry and plasma chemistry are two useful processes for forming highly reactive
chemical species that form covalent bonds with hydrocarbon groups. Plasma chemistry uses
high radiofrequency electromagnetic energy to form reactive radicals from oxygen found in air
and water, ammonia, low molecular weight hydrocarbons, and other gaseous species in a vacuum
reaction chamber.
Photochemical covalent coupling of the coating molecules is a preferred approach to
surface modification for two reasons. It can be used on preformed polymeric materials of varying
geometries, and the high-energy intermediates involved in such processes are capable of reacting
with a variety of polymer substrates. The diradical aromatic ketone groups used by SurModics
are primarily from benzophenone, thioxanthone, and anthraquinone derivatives (1 in Fig. 1).
Blue or ultraviolet illumination of these photogroups results in the initial formation of a singlet
excited state (2 in Fig. 1). This short-lived species undergoes a rapid intersystem crossing to
generate the longer-lived triplet state (3 in Fig. 1) [1]. This highly reactive intermediate is then
capable of insertion into carbon–hydrogen bonds by abstraction of a hydrogen atom from the
polymer surface, followed by collapse of the resulting radical pair (4 in Fig. 1) to form a new
carbon–carbon bond (5 in Fig. 1). The high energy of the triplet state makes the photochemical
coupling process relatively independent of the chemical composition of the surface, with the
efficiency of the process being determined by the relative stability of the free radicals formed
on the surface of the polymer. The photoactivated aryl ketones are not reactive with water
molecules and can revert back to the ground state if no suitable substrate is available, thus
substantially improving the efficiency of photogroup utilization [2].
Photochemical diradical generation from aromatic carbonyl groups provides numerous
advantages for biomaterial surface modification, such as
1. The reactive species (the triplet carbonyl) can be reversibly generated by exposure

Figure 1 Aryl carbonyl photocoupling mechanism.
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to visible or long-wavelength ultraviolet light from commonly available, relatively
inexpensive light sources.
Good coupling yields may be procured by associating the photoactivatable coating
derivatives with the target surface in water or volatile alcohol solvent before activating
in the wet or dry state in ambient atmosphere.
Stable carbon–carbon bonds are formed between the activated carbonyl group and
the hydrocarbon groups on the biomaterial surface, providing hydrolytic stability even
in vivo.
The photoactivatable aromatic carbonyl group may be chemically incorporated into
essentially all desired coating reagents, whether synthetic or biomolecular, independent of molecular weight, enabling the biomaterial device manufacturer to purchase
the coating reagents and incorporate readily the coating step in its device manufacturing line.
The diradical reactive species enables covalent coupling, or crosslinking, within and
between polymeric coating molecules on the surface, while being covalently coupled
to the surface.

1. Classes of Photoreactive Coating Reagents
In order to incorporate photoreactive functionalities into surface-modifying molecules, they must
possess both a thermochemically reactive group (X in Fig. 2) and the photoreactive component,
which is the carbonyl group of the aryl ketones. Preferably, this attachment site is in the para
position relative to the photoreactive functionality to minimize the possibility of intramolecular
insertion reactions. For example, 4-benzoyl-benzoic acid (X ⳱ CO2H), anthraquinone, and
thioxanthone derivatives are representative examples of the benzophenone, quinone, and xanthone classes of aryl ketones (Fig. 2). The carboxylic acid of the former reagent is suitable for a
variety of coupling techniques, thereby coupling to the surface-modifying molecule or permitting
introduction of a spacer containing another coupling group. In summary, numerous functional
groups can be used for tethering the photoreactive group to the coating molecule, generating
bonds such as esters, amides, ethers, carbamates, and ureas, the selection of which is made
according to hydrolytic stability requirements in the desired application.
The photoreactive coating reagents can be divided into two major classes: heterobifunctional reagents and multifunctional reagents (Fig. 2). The heterobifunctional reagents are most
often used to couple specific biomolecules to the surface, while the multifunctional reagents
are used to change the surface properties, i.e., to achieve wettability, lubricity, or passivation.
Surfaces can also be designed that both repel nonspecific biomolecule adsorption and covalently
couple specific active biomolecules.
Heterobifunctional reagents consist of three important components: (1) the photoreactive
group (P in Fig. 2); (2) a spacer group; and (3) a thermochemically reactive group (X in Fig.
2). The photogroup is typically an aryl ketone having a second group in the para position to
permit attachment of the spacer group. The spacer group can be of varying length or composition,
depending on the requirements of the application. In general, the spacer is used to hold the
functional molecule away from the hydrophobic environment at the substrate surface. For example, a hydrophilic species such as polyethylene glycol (PEG) can be used to tether a biomolecule
via flexible chains of bound soluble polymer. This method of attachment provides more protein
mobility and hence greater opportunities for favorable interaction of the immobilized protein
with its environment. While the spacer group can be terminated in a relatively nonreactive group,
such as a hydroxy or methoxy group, to provide for surface passivation, the more common
selection is a thermochemically reactive species that is not photochemically reactive. Selections
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Figure 2 Classes of photoactive reagents: (a) heterobifunctional crosslinking reagents; (b) multipoint
functionalized polymeric reagents; and (c) multipoint monomeric reagents.
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for this group include species such as N-oxysuccinimide (NOS) esters, tresylate esters, isothiocyanates, aldehydes, and epoxides for reaction with amines; maleimides for reaction with sulfhydryls and amines; hydrazides for reaction with aldehydes and ketones; and amine groups for
coupling to carboxylic acids. The three components of these heterobifunctional reagents can be
substituted in unlimited combinations, providing a means for engineering reagents with precise
characteristics and specifications.
Multipoint functionalized reagents are synthesized by reaction of these heterobifunctional
reagents with polymerizable monomers, preformed polymeric, or multifunctional monomeric
molecules. In this process, the heterobifunctional reagents are reacted with polymers possessing
multiple reactive sites along their backbone. Thus, the resulting photoreagent possesses the
physical and chemical properties of the polymer and with the photogroup attached to the backbone of the polymer via the spacer group of the heterobifunctional molecule. These polymeric
molecules can be either synthetic or natural. For example, proteins frequently possess numerous
lysine residues, which can be derivatized with the heterobifunctional photoreagents containing
amine-reactive end groups such as NOS esters. The resulting protein can be analyzed to determine
the photogroup content and the level of biological activity. Likewise, heparin and hyaluronic acid
have been photoderivatized in several different ways to provide reagents capable of imparting
anticoagulant and other activities to a polymeric surface.
In a similar manner, synthetic polymers may be prepared which possess multiple photoreactive groups along the backbone. In these syntheses, a base monomer is copolymerized with a
controlled quantity of a second monomer possessing a reactive group activatable either thermally
or photochemically, followed by dialysis to remove residual monomer and low molecular weight
oligomers. The thermally reactive polymer so produced is then reacted with the selected heterobifunctional reagent to introduce the photogroups. This copolymerization approach to photopolymer preparation provides a multitude of opportunities to incorporate a variety of functionalities
into the polymer, including cationic and anionic groups.
2. Photocoupling for Uniform Ultrathin Coatings
Another class of coatings has been developed specifically for ultrathin applications. These coatings are based on photoreactive diblock copolymers. Block copolymers are known for their
ability to self-assemble into micelles in solution and into monolayers on surfaces. This is due
to one block having a higher affinity for the surface and another having a higher affinity for
the solvent, usually water. The structures they form are transient, however, changing with solvent
composition or drying. By combining the ability of the block copolymers to spontaneously form
a coating from a polar solvent on a hydrophobic device, with the ability of photochemistry to
fix the structure in place, an ultrathin coating is obtained with minimum effort. This can be
done by simply immersing a device in an aqueous solution of photoreactive diblock copolymer,
allowing time for the monolayer to spontaneously form, then illuminating with activating light
to bond it in place. Diblock copolymers are modified to contain the photoreactive group in only
one of the blocks, typically the more hydrophobic block, as illustrated in Fig. 3. This leaves the
other block free to interact with the aqueous solution, defining the surface properties. If this
hydrophilic block is chosen to be poly(ethylene glycol), for instance, the surface will have the
biocompatibility and wettability properties of poly(ethylene glycol). Each block may be tailored
to fit a given application, allowing wide versatility and ease of processing for delivering ultrathin
coatings for different devices.
3. Restrained Multifunctional Reagent for Surface Modification
Heterobifunctional reagents have also been used to produce restrained, multifunctional photoreagents. These reagents are useful for preparation of photoreactive surfaces for subsequent photo-
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Figure 3 Photoreactive diblock polyether self-assembly on a hydrophobic surface immersed in water.

immobilization of added coating molecules, for example, self-assembling monolayer polymers.
They are also used for simultaneous application with a coating molecule to a support surface,
thereby providing both immobilization to the surface and crosslinking within the coating polymer
layer [3]. A reactive reagent molecule containing multiple latent-reactive groups is ‘‘restrained’’
in that it is conformationally and/or chemically restricted from reacting with either itself or with
other molecules of the same reagent. Upon activation, this feature causes the attachment of less
than all of the reactive sites of the multifunctional reagent to a surface, thereby leaving the
remaining sites free to react with molecules desired to be immobilized onto the surface or to
be subjected to further crosslinking (Fig. 2c). This type of multifunctional photoreagent is useful
for immobilizing molecules not readily converted to photoreactive derivatives and for stabilizing
polymeric coatings against mechanical disruption.
B. Photochemical Graft Polymerization
Graft copolymers are generally defined as branched copolymers with a backbone of one or more
monomers to which side chains of the same or different monomers are attached. They are
generally prepared in order to impart dissimilar physical properties to an existing polymeric
material. In the case of modification of biomaterials, changes in hydrophilicity, frictional properties, and blood or tissue compatibility illustrate property changes which may be sought by this
approach.
Polymerization to form grafted chains may be initiated in a variety of ways. Chain transfer
during the formation of the original backbone polymer may generate polymeric radical sites
which lead to polymerization of new grafted chains. Ionizing radiation, such as gamma or
electron beam exposure, may lead to polymeric radicals by numerous reaction pathways, and
simultaneous or subsequent contact with suitable monomers leads to grafted chain formation.
Redox techniques have been widely studied which usually require polymer backbone structures
with readily oxidized functional groups. Alcohol groups on carbohydrate polymers can thus be
converted to polymeric radical sites useful for the growth of grafted chains.
Graft polymerization can also be achieved by radiation involving ultraviolet light, often
in the presence of a photochemical agent such as benzoin molecules. These photochemical
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agents can undergo processes such as fragmentation and hydrogen atom abstraction, resulting
in polymeric radicals which may lead to grafted polymer chain formation. A highly versatile
grafting technology has been developed which potentially allows graft copolymerization to be
used for permanent surface modification of any polymeric surface bearing hydrogen atoms. This
grafting technology may also be used with a wide range of finished articles for imparting changes
in desired surface properties. This approach involves the use of a family of multifunctional
compounds which contain two or more photosensitive groups (e.g., benzophenones) which are
provided as anionic, cationic, or neutral photochemical reagents. The application of the multifunctional photoreagents to a polymer surface bearing abstractable hydrogen atoms is followed
by illumination with ultraviolet light. This step brings about photoattachment of the multifunctional reagent to the polymer surface by the process of excitation, hydrogen atom abstraction,
and collapse of the resulting radical pair to create a carbon–carbon covalent bond linking the
reagent to the surface. Steric effects greatly reduce the probability that the additional photogroups
on the reagent will become bonded to the polymer surface. Thus, the remaining photogroups
are available for a second photochemical step which involves ultraviolet light illumination of
the modified surface in the presence of the monomer(s) of choice, resulting in grafted polymer
chain formation.
While a wide range of monomers may be used, this process typically employs monomers
leading to hydrophilic grafted chains (e.g., acrylamide, AMPS) in order to impart properties
such as wettability or lubricity to the surface of the article. The particular properties of the
substrate polymer backbone or the intended use of the modified surface may influence the choice
of anionic, cationic, or neutral multifunctional photoreagents. The versatility of the grafting
process provides significant advantages relative to earlier methods. Suitable ultraviolet light
sources are readily available, and brief ultraviolet light exposure is generally not detrimental to
the stability or properties of polymeric materials. This is in contrast to the high-energy radiation
methods, such as gamma radiation, where both equipment accessibility and material degradation
may be significant issues. Chain transfer methods of graft polymer chain formation are generally
not applicable to the modification of surfaces of polymeric articles, such as medical devices.
Redox methods are only applicable to a relatively small number of polymeric backbone materials,
most of which are not used for finished article fabrication. The use of the two-step photochemical
grafting process also provides a high degree of assurance that the intended graft polymer chains
are effectively covalently attached to the polymer surface, and will provide a more permanent
modification of the surface of the biomaterial.
C. Tie Layers for Metal Surface Pretreatments
Many medical devices are prepared partially or wholly from metallic materials whose surface
characteristics may not be appropriate or optimal for the intended use. Examples of such devices
are guidewires, stents, pacemaker components, vena cava filters, and distal protection devices.
These devices contain metallic components based on materials such as stainless steel, platinum,
nitinol, titanium, or aluminum. Examples of needed or desired surface characteristics include
wettability, lubricity, improved tissue or blood compatibility, or good adhesion of subsequent
materials coatings on the metallic surfaces. It is often difficult or impossible to achieve such
objectives by direct application of known coating materials to metallic surfaces due to the
dissimilarity of most coating materials relative to the metallic material surfaces.
A great deal of technology has been developed for the purpose of providing uniform
and durable surface coatings on metallic materials and is widely used in numerous industrial
applications. Synthetic polymers of several types have been developed which incorporate carboxylic acid functionality in order to achieve interaction and bonding to metallic substrates. Notable
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examples include the ethylene/acrylic acid family of materials and the carboxyl-functional polyurethane (PU) materials. Alternatively, a very wide range of silane derivatives, typically trialkoxysilane compounds, have been developed by several manufacturers to undergo interaction and
bonding to metallic surfaces, usually involving oxide or hydroxy functionality on the metal
surface. Further developments have resulted in the hydrosiloxane materials, which are generally
copolymer structures involving hydrosiloxane and dialkylsiloxane units. These materials are
useful for treatment of clean, oxidizable, metal surfaces and allow attachment of silicone polymer
segments to metallic surfaces.
In all of these approaches, the metallic surfaces have been modified in ways that provide
abstractable hydrogen atoms attached to the organic components of these surface pretreatments
and are therefore suitable surfaces for all of the photochemical surface treatments described
earlier. SurModics has extensively examined the available technologies and materials for pretreatment of metallic substrates and has commercialized those systems found most suitable for
the surface modification of medical devices, including carboxyl-functional urethanes, trialkoxysilanes, and hydrosiloxanes. In addition, SurModics provides the complete technology for subsequent modification of those treated surfaces to impart a wide range of surface properties.

D. Polymer Blends for Drug-Incorporation Coatings on Devices
Polymer blends have been widely examined in the fields of polymer science and engineering
and have enjoyed considerable success in industrial commercial applications, particularly in the
area of molded plastic materials. Blends are typically used in order to achieve combinations of
properties that are unavailable in single materials or would require specific synthetic efforts to
achieve. The majority of polymer blends are described as immiscible having distinct detectable
separate phases made up of the component polymers. Examples of miscible polymer blends are
also known, and blends have been developed in which a third component is included to stabilize
the morphology of a polymer blend or serve as a ‘‘compatibilizer’’ material. Immiscible polymer
blends often have one or more property deficiencies, such as a lack of optical clarity, reduced
strength, or process-dependent variability of properties. Due to these property deficiencies, a
great deal of attention needs to be given to selection and use of polymer blend components.
SurModics has extensively studied the use of polymer blends in the preparation of coatings
for drug incorporation and to provide desired drug-release characteristics from the surfaces of
coated medical devices. The polymer blend approach was selected because of the potential of
being able to vary polymer component identity, ratio, and coating process parameters to give a
wide range of mechanical properties, including drug diffusion and release characteristics in the
resulting coatings. This approach has proven to be successful in controlling a wide variety of
coating properties, while requiring the synthesis of only a small number of polymer component
materials. For example, variation in identity and ratio of polymer components and coating process
changes involving solvent choice, environmental conditions, and equipment parameters allow
regulation of many characteristics of the resulting coatings. Coating modulus and durability may
be enhanced by the selection of higher modulus blend components and by adjustment of the
ratio of the polymer blend components. Partially phase-separated polymer blend morphologies
may be influenced by careful control of coating process parameters, such as relative humidity,
leading to control of both burst and controlled release aspects of the overall drug delivery
properties of coatings. The polymer blend approach to providing very specific drug release
characteristics has proven to be particularly useful in drug release from implanted medical
devices with applicability to a wide range of drug materials and release profiles.
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E. Processes for Surface Modification
The methods for reagent application can be classified as one-step or two-step, depending upon
the number of processing steps required in the modification of the device. The one-step method
involves prederivatization of the coating molecule of interest with the photoreactive moiety.
The purified photoreagent is then brought into solution and applied to the device followed by
illumination with suitable wavelength light to activate the photocoupling process. Alternatively,
the two-step method can be employed in which the device itself can be prederivatized rather
than the molecule of interest. For this method, the substrate is treated with the photoreactive
heterobifunctional reagent (PX in Fig. 2a) in solution, illuminated, and finally the molecule of interest is coupled to the reactive surface using conventional coupling techniques well
recognized in organic and protein chemistry.
The one-step approach is generally the preferred method for integration into device manufacturing since it minimizes the number of processing steps. In addition, the method is more
efficient than the two-step approach, with minimal excess reagent being wasted. The primary
limitation of this approach is the requirement that the coating reagent must not be chemically
degraded by the illumination source. For example, some biologically active compounds can
show significant inactivation under UV illumination.
While photochemical surface modification is a generic process across a broad range of
coating molecules and polymer surfaces, each specific application typically requires some optimization. It is critical that the surface to be modified must be free of contaminants, such as
plasticizers or low molecular weight oligomers, to insure coupling of the photoreagent to the
base polymer. Such cleaning processes can consist of simple washing procedures, solvent extraction, or plasma cleaning of the surface.
The photoreagent is then applied in a solvent compatible with both polymer and photoreagent, typically an aqueous or alcohol-based system. The solution application can be accomplished in a number of ways. Dip coating works well for many devices, especially catheters and
guidewires. Spraying, brushing, or ink jetting the coating solution onto the device can be used
for parts with intricate geometries where dip coating may not reach portions of the device.
Illumination of the device can occur in either the wet or dry state and a variety of illumination systems, both UV and visible, can be used to accommodate differing geometries of the
devices. For parts that do not allow a film to form easily, such as very hydrophobic substrates,
the part can be illuminated in solution, which will result in the binding of a thin layer of the
photoreagents to the substrate. The duration of the illumination is determined by the incident
beam intensity (typically 1–3 min at 1mW/cm2), the nature of the reagent being applied, and
the type of polymer substrate. Finally, the device may be rinsed to remove any loosely adherent
material, leaving only the tenaciously bound layer.
The two-step approach is used for those situations in which the user either wishes to
prepare a more generic surface to which can be added any one of a number of molecules or
has a molecule to be immobilized which is subject to UV degradation. This process can waste
excess molecules that have not thermochemically reacted with the derivatized surface, and the
user runs the risk of requiring an extra reaction to block exposed surface-reactive groups that
were unable to couple the molecule, either through suboptimal reaction conditions or through
steric hindrance.
Webbing and pooling of the coating solution can be common problems when using conventional spraying and dipping techniques, especially for complex geometries. This can lead to
durability issues, occluded holes, uneven coating, and can limit the effectiveness of the medical
device. Another two-step approach is to polymerize monomers directly onto the surface. The
coating process consists of priming the surface with a photoreactive crosslinker followed by
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graft polymerization with the appropriate monomers. The outcome is a grasslike polymer coating
that will not occlude holes and will evenly coat irregular surfaces.

III. HYDROPHILIC SURFACES
Three commonly required surface characteristics of biomaterials include wettability, lubricity,
and passivation. Each of these attributes can be achieved by immobilizing hydrophilic photopolymers to the device surface. Although wettability, lubricity, and passivation are each imparted
to the surface using similar hydrophilic reagents, these attributes are not necessarily related, nor
are they mutually exclusive. In fact, each of these surface characteristics can be controlled by
varying the polymer molecular weight, degree of crosslinking, and/or the thickness of the hydrogel matrix. For example, lubricity is best achieved by immobilizing high molecular weight,
loosely crosslinked photopolymers; whereas lower molecular weight, more tightly crosslinked
photopolymers are more effective for reducing protein fouling. When designing a particular
medical device, it is often necessary to clearly define the surface qualities that would provide
optimal benefit to the user. This section describes the importance of these characteristics, how
each is measured, and the effect of a hydrophilic surface on device efficacy.
A. Wettability
Highly wettable surfaces are required for many biomaterials. Hydrophobic, non-wettable surfaces
are undesirable due to adsorption and denaturation of proteins, adherence and damage of cells,
and adherence of bacteria. Masking hydrophobic surfaces with hydrophilic polymers reduces
these harmful effects. In addition, a hydrophilic material will hold an evenly distributed fluid
film over the surface, enabling the device to deliver drugs, such as antibiotics, to the site of
implantation. This is likely to result in a reduction of device-centered infections, and may reduce
the need for systemic antibiotics. In addition to stabilizing a fluid film, a hydrophilic surface
will also discourage adhesion of gas bubbles which is a common problem in purging tubing
sets used in surgery, and in blood filters, oxygenators, and biosensors.
Sessile drop contact angle analysis is one commonly used method of determining surface
wettability. When performed properly, the angle of contact between a small droplet (2.5 l) of
filtered deionized water and the substrate surface is a reliable measure of wettability. Lower
contact angles result from the spreading of water across a surface, whereas higher contact angles
are characteristic of water beading up on the hydrophobic surface. This method was used to
compare unmodified and photopolymer-modified biomaterials (Figure 4). All of the biomaterials
tested are frequently used in medical devices because of their desirable bulk properties. Without
any surface modification, these materials demonstrate a wide range of relatively high contact
angles; such hydrophobicity can compromise device performance and efficacy. Modification of
the substrates with hydrophilic photopolymers results in significant reduction in contact angle
(increase in wettability) for all materials tested, and all surface-modified materials approach a
similar contact angle value. This is not surprising, since any surface modified with the same
hydrogel should have essentially the same wetting characteristics, regardless of the substrate
polymer.
B. Lubricity
Lubricity is a desirable attribute for medical devices that require movement against sensitive
tissues, such as with a urinary tract catheter. Without this characteristic, blood vessel walls
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Figure 4 Improved wettability by surface modification with photoactivatable hydrophilic polymers. The
materials were modified with a mixture of photopolymers containing polyacrylamide, polyvinylpyrrolidone
and polyethylene glycol. The materials are silicone rubber (SR), polypropylene (PP), polysulfone (PSF),
polyvinylchloride (PVC), polystyrene (PS), polyethylene (PE), polycarbonate (PC), polymethylmethacrylate (PMMA), and polyurethane (PU).

or mucous membranes can be damaged, resulting in pain and susceptibility to infections or
thrombogenesis [4]. Hydrophilic, lubricious coatings reduce friction and significantly reduce
tissue damage relative to hydrophobic materials. In addition to the damage caused by hydrophobic surfaces, the device itself may not function properly if it generates too much friction in use.
The wide variety of biomaterials used in medical devices has an equally wide distribution
of surface frictional properties. These properties range from pliable, tacky, low-durometer silicones to the smooth hard surfaces of ultra high molecular weight polyethylene (UHMWPE) and
Teflon威. In many cases, such as with intravascular catheters, the flexible materials are critical
to device function since the material must yield to the shape of the vasculature as it is being
fed into the body. Lubricious coatings can dramatically improve ease of use since they can slide
more readily into place. The ideal biomaterial for these types of applications should be both
flexible and slippery.
Lubricity is measured by determining the force needed to push or pull an object through
a pathway that has some resistance. The coefficient of friction (ratio of pull or push forces to
the normal, or load force) is one way of quantifying the lubricity values. Often the pull or push
forces are stated by themselves along with a description of the test method. The lubricity of a
coating is strongly dependent on the material against which the part is being tested. The biomaterial is typically hydrated prior to testing in order to provide the fluid film necessary to cushion
the tissue–device interaction. There are several common ways to measure lubricity. A sled with
a known weight applied to it can be pulled across the biomaterial to measure friction. Alternatively, the sample can be squeezed between two vertical pads and drawn through them. In other
cases, a pathway can be created that simulates the appropriate anatomy (e.g., femoral artery,
coronary arteries), and the force needed to move the device through the path can be measured.
The testing can be cycled multiple times to determine if the frictional forces change over time.
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Durability of a particular coating can be as important as the initial lubricity, especially for
coatings applied to devices that are used for extended periods of time or are subject to extensive
manipulation. Figure 5 shows the force needed to pull stainless steel wires through two submerged silicone pads that have been compressed with 500 g of force. The wire that was coated
with Teflon, a lubricious yet very hydrophobic material, required about half the force of an
uncoated wire to pull it through the fixture. In comparison, the wire that had a lubricious,
hydrophilic, photoimmobilized polymer coating required less than a tenth of the force of an
uncoated wire. The hydrophilic coating was durable for many cycles of the test. A wide range
of biomaterials have been modified with photoimmobilized hydrophilic polymers and tested
against various surfaces.
Lubricious surfaces on medical devices reduce the force required to manipulate medical
devices during a surgical procedure. This in turn has the benefit of reducing the time required
for any given procedure [5]. In addition, lubricious catheters can negotiate tortuosities in the
vasculature that are not possible with unmodified devices, thus expanding the range of potential
treatment sites within the body using procedures such as arthroscopic surgery, balloon catheter
angioplasty, or site-directed drug delivery.
As an example of the benefits of the photoimmobilized hydrogel lubricious surface, a
model in vitro system was devised using pinched fresh bovine aortas. This simulation of a
narrowed artery was used to compare unmodified mock polyethylene (PE) catheters with those
modified using a photoreactive mixture of polyacrylamide and polyvinylpyrrolidone. The force
required to push catheters through the pinched aorta was carefully measured using a force gauge;
the results (Fig. 6) show that the crossing force was reduced by 50% using the lubricious,
hydrophilic coating.
C. Passivation
When a medical device is subjected to the harsh in vivo environment, its surface is exposed to
the body’s natural defense systems. Minerals, fatty acids, proteins, host cells, macromolecules,

Figure 5 Reduction of friction by using a PhotoLink lubricious coating on a stainless steel wire compared
to uncoated and Teflon coated wires. Forces were measured by pulling the wires through SR pads. Forces
were recorded for 50 cycles of the test.
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Figure 6 Reduction of crossing force using surface-modified catheters. The pinched aorta model for
measuring lubricity was used to compare unmodified and modified catheters. Mock PE catheters were
either coated with a common silicone lubricant or with photoreactive hydrogel polymer while submerged
in heparinized bovine blood. Mean and standard deviation are shown (n⳱15, p⬍0.0001).

and bacteria deposit on the surface. Adsorption of proteins or lipids can contribute to (1) initiation
of blood coagulation, complement activation, and platelet adherence on intravascular devices;
(2) fouling and plugging of microporous contact lenses or dialysis membranes; (3) opacification
of the visual axis on IOLs, contact lenses, or keratoprostheses; and (4) bacterial colonization
on almost any implantable product.
Surfaces modified with photoimmobilized hydrophilic polymers have been shown to effectively reduce protein adherence, bacterial colonization, and lipid deposition. By controlling the
polymeric composition and the extent of crosslinking, hydrogel matrices can be designed to
provide optimal passivation characteristics for enhancing the particular biomaterial and device
performance. Further discussion of passivating coatings can be found in Section IV, ‘‘Surface
Modification to Improve Blood Compatibility of Medical Devices,’’ and Section V, ‘‘Antimicrobial Coatings.’’

IV. SURFACE MODIFICATION TO IMPROVE BLOOD COMPATIBILITY OF
MEDICAL DEVICES
Improved compatibility with blood is a desired feature for a variety of medical devices that
must contact blood during clinical use. It is difficult, however, to achieve this improvement by
altering the bulk materials used for fabricating the devices. Because of the diversity of bloodcontacting medical devices, which range in complexity from syringe needles to artificial hearts
and in duration of use from seconds to years, it is unlikely that sufficient ‘‘blood-compatible’’
bulk materials will be identified to serve the needs of the many devices currently used or in
development. A more straightforward method is to apply a thin-film coating to the surface of

106

Anderson et al.

the device to confer improved blood compatibility to the device. For many years, researchers
have been developing coatings to improve the blood compatibility of medical devices. It is
recognized that it is unlikely that a single surface modification will solve the broad spectrum
of blood compatibility issues, and therefore it is essential to develop and test a variety of potential
surface modification agents. Heparin-based coatings have been demonstrated to substantially
improve the performance of a variety of blood-contacting medical devices. Recently, nonheparinbased, synthetic coatings have also been shown to be promising for medical device applications
where biological molecules are not desired or appropriate.
The notion of using surface modifications to improve the blood compatibility of medical
device materials is not new. Synthetic processes have been developed to immobilize (1) fibrin
cascade inhibitors [6,7]; (2) passivating polymers, such as hydrogels [8–11] and polyethylene
oxide [12,13]; (3) albumin binding agents [14–17]; (4) membrane mimics [18]; (5) platelet
inhibitors [19]; and (6) sulfonated polymers [20–22] onto polymers and metals. However, these
processes generally are limited to one or a few types of substrates, require harsh chemical
reaction conditions, or are time or labor intensive. In contrast, surface modification using the
photochemical coupling technology described above has several significant advantages over
previous methods: (1) a broad spectrum of materials can serve as substrates for immobilization;
(2) many types of molecules (including all of the classes listed above) can be immobilized using
analogous protocols; and (3) the processing steps are simple, short, and devoid of severe chemical
treatments.
A. Photoimmobilized Heparin Surface Modifications
Heparin is a pharmaceutical that has been used clinically for decades as an intravenous anticoagulant to treat inherent clotting disorders and to prevent blood clot formation during surgery
and interventional procedures. Heparin molecules are polysaccharides with a unique chemical
structure that gives them specific biological activity. When heparin is derivatized with photochemical coupling agents and immobilized onto the surface of a medical device material, it
improves the performance of the material when in contact with blood in several ways: (1)
providing local catalytic activity to inhibit several enzymes critical to the formation of fibrin
(which holds thrombi together); (2) reducing the adsorption of blood proteins, many of which
lead to undesirable reactions on the device surface; and (3) reducing the adhesion and activation
of platelets, which are a primary component of thrombus.
Heparin-containing coatings have been assessed using a variety of in vitro and in vivo
test systems. These tests include the verification of the heparin presence, uniformity, and stability
on the surface as well as in vitro and in vivo function.
1. Presence and Uniformity
The presence and uniformity of photoheparin on material surfaces has been assessed by staining
with toluidine blue, electron spectroscopy for chemical analysis (ESCA), static secondary ion
mass spectrometry (SSIMS), and scanning electron microscopy with atomic x-ray analysis (SEM/
EDAX). Toluidine Blue staining was used to determine macroscopic uniformity and extent of
coverage of the heparin on the material surface. Coated samples were immersed in a 0.02% w/v
solution of Toluidine Blue for 10–15 s, removed, and rinsed with DI water to remove unbound
dye. Upon binding to the heparin, Toluidine Blue experiences a shift [23] in its absorbance
spectrum such that the dye appears purple rather than blue. To confirm that the heparin is indeed
exposed to the environment at the surface of a material, ESCA and SSIMS were used to identify
the atomic composition and chemical fragmentation pattern of the outermost region of the interface. For example, Fig. 7 compares the SSIMS negative ion spectrum for unmodified Pellethane
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PU and photoheparin-modified Pellethane and indicates for the latter the presence of fragments
generated from the sulfonate pendant groups on the heparin carbohydrate backbone. These
results, and comparable results with ESCA (data not shown), confirmed that the photoheparin
was indeed at the surface of the substrates.
2. Stability
Photoimmobilized heparin-based coatings have also been tested for their physical characteristics
to ensure their durability. Because the coatings are bound covalently to the device surface, they
are expected to be durable to exposure to a variety of physical challenges. Figure 8 shows the
results of exposure of heparin-coated surfaces to aqueous buffer solution at physiological pH
and temperature for up to 33 days. These experiments demonstrate that the potency of the heparin
coatings is not significantly altered by exposure to these conditions, suggesting that the coatings
can maintain their durability and activity when subjected to in vivo conditions. SurModics

Figure 7 Static secondary ion mass spectrometry (SSIMS) of (a) unmodified and (b) photoheparinmodified PU. The peaks occurring at 80, 96, and 97 mass units in the negative ion spectrum correspond
to SO3, SO4, and HSO4, molecular fragments which arise from the sulfonate pendant groups on the heparin.
No such peaks are observed in the spectrum for the unmodified PU.
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Figure 8 Durability testing of SurModics heparin-based coatings to saline washes. All four heparinbased coatings showed little decrease in heparin activity after 33 days in phosphate-buffered saline at 37⬚C
with agitation.

heparin coatings have also been demonstrated to be stable under accelerated aging conditions
designed to model long-term shelf storage. Figure 9 shows the results for heparin-coated materials held at 55⬚C under both 10 and 50% relative humidity environments, corresponding to 2year shelf-life at ambient conditions. These results under accelerated aging conditions further
highlight the physical durability of the coatings.

Figure 9 Durability testing of SurModics heparin-based coatings to accelerated aging conditions representing 2 years ambient storage. Heparin activity was tested after heparin-coated materials were held at
55⬚C under both 10 and 50% relative humidity. Accelerated aging conditions did not have a great effect
on the heparin coatings.
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Table 1 In vitro Activities of Photoheparin Immobilized on Polyurethane and Polyethylene
Thrombin inhibition activity (mU/cm2)
Polymer
substrate
Polyethylene
Polyurethane

Partial thromboplastin time (min)

Unmodified
control

Photoheparin
modified

Unmodified
control

Photoheparin
modified

⬍1
4

21
22

1.3
1.3

⬎30
⬎30

3. In Vitro Performance
Two in vitro assays have been used to assess the function of the immobilized photoheparin: a
thrombin inhibition assay and platelet adhesion. In the thrombin inhibition assay, the photoheparin-treated material was incubated in a buffered protein solution containing thrombin, a chromogenic peptide substrate for thrombin (S2238, Kabi Diagnostica), and excess antithrombin III
(ATIII). Activity was determined by comparing colorimetrically the solutions contacting the
photoheparin-treated substrate with standard solutions containing known concentrations of soluble heparin. This assay gives the activity of the surface-bound heparin in terms of the activity
of soluble heparin. Although the solutions are well agitated during the assay, mass transport
limitations may exist which would hinder interaction between the immobilized heparin and the
soluble thrombin and ATIII. Any transport limitations, however, would result in underestimation
of the activity of the immobilized heparin. A comparison of the thrombin inhibition activity of
one photoheparin reagent immobilized on PU and PE is shown in Table 1. It is clear from these
results that the immobilized photoheparin retained its capacity to inactivate thrombin.
It has also been demonstrated that platelet adhesion and activation are greatly reduced
when heparin-coated surfaces are exposed to platelet-rich plasma. From the photomicrographs
in Figs. 10a and b, it can be seen that the presence of the heparin coating greatly reduces the
number of bound platelets as well as the extent of activation of the platelets, as judged by their
physical shape.
4. In Vivo Performance
Photoheparin reagents that yielded favorable results in the surface analysis and in vitro experiments were tested in an acute canine jugular vein implant model. In this system, Pellethane PU

Figure 10 Photomicrographs of in vitro human platelet adhesion to (a) heparin-based coating, (b) uncoated
PE, and (c) synthetic passivating coating. Note the differences in platelet number and morphology. The
uncoated surface shows highly spread and activated platelets and SurModics coatings show reduced platelet
adhesion with minimal platelet spreading.
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rods, which serve as models for vascular catheters, were implanted for 1 h in the external jugular
veins of dogs. In each experiment, one surface-modified rod and one control rod were implanted
bilaterally. This strategy helps compensate for any dog-to-dog variations in the intensity of
response to the implanted material. Attachment of 111In-labeled platelets onto the rods was
monitored in real time with spatial resolution using a digital gamma camera imaging system. At
the conclusion of each experiment, the veins were isolated surgically and opened longitudinally to
expose the rods for gross inspection. The rods were then removed and any adherent thrombus
was stripped, lyophilized, and weighed. The gamma camera data was used to calculate a relative
platelet attachment rate on the rods.
Shown in Fig. 11 is a representative gamma camera image from one of the jugular vein
implant experiments. In this photograph of the gamma camera video monitor, the neck region
of the dog is central, the head is at the top, and the shoulders and upper chest are at the bottom.
The rectangles in the figure encompass the regions occupied by the implanted rods. The intensity
of the pixels on the monitor corresponds to the intensity of the gamma radiation emanating from
that location of the dog’s anatomy. In this particular experiment, the photoheparin-treated rod
was implanted in the left vein (indicated by the L; the dog is supine and the camera is positioned
above the dog) and the unmodified control rod was implanted in the right vein (R). It is apparent
from the image that the platelet attachment on the PU is reduced significantly by the immobilized
heparin. Figure 12 shows the explanted rods from the same experiment as the gamma camera
image above. It is clear that, in addition to the reduced platelet attachment on the heparinmodified surface, there was also substantial reduction in the formation of thrombus.
The results of jugular vein implants for two different photoheparin reagents are displayed
quantitatively in Fig. 13, which compares the platelet attachment rates and thrombus weights
for the heparin-modified and unmodified PU rods. ANOVA analysis of these data indicated that

Figure 11 Gamma camera image of 111In-labeled platelets binding to PU rods implanted in canine jugular
veins. The photo encompasses the head, neck, and upper chest of the dog. The rectangles identify the
locations of the implanted materials in the external jugular veins. The intensity of the video pixels is
directly related to the intensity of gamma radiation collected by the camera. The control sample is on the
right side (R) and the photoheparin modified sample is on the left side (L) of the dog’s anatomy (dog is
supine; view is from above).
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Figure 12 Samples explanted after jugular vein implant experiment show (a) photoheparin-modified
material and (b) unmodified material.

for both photoheparin reagents the platelet attachment rates and the thrombus weights were
reduced significantly compared to control (p ⬍ 0.05).
5. Conclusions
These results have shown that heparin can be immobilized using photochemical coupling techniques such that it (1) covers substrate surfaces completely and uniformly; (2) inhibits thrombin
in a buffer solution; (3) retards the generation of fibrin in plasma in vitro; (4) withstands washing

Figure 13 Comparison of the average platelet attachment rates and thrombus weights on photoheparintreated and untreated PU. Samples were implanted for 1 h and the attachment of radiolabeled platelets
was monitored quantitatively in real time using gamma camera imaging. The heparin-based coatings
significantly decreased platelet attachment and thrombus formation.
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in PBS for up to 33 days; and (5) reduces platelet attachment and thrombus formation in a dog
jugular vein implant model.
B. Photoimmobilized Non-Heparin-Based Surface Modifications
As shown in the previous discussion, heparin-based coatings provide excellent antithrombogenic
performance for medical device materials. There are, however, several potential regulatory hurdles associated with heparin-based coatings, especially in the European Union where heparin
is considered a biological and medicinal product and a heparin coating may thereby change a
device’s classification and regulatory pathways. Therefore, there is a growing interest in nonheparin-based, nonbiological hemocompatible coatings.
After careful examination of the complex mechanism and pathways of blood clotting
and the relevant scientific literature, novel photoimmobilized alternatives to heparin have been
developed for preventing surface-induced thrombus formation. In these approaches, synthetic,
nonbiological molecules are photoderivatized and immobilized onto a surface to create surfaces
with improved blood compatibility. One approach employs the strategy of passivation with
hydrophilic molecules to mask the underlying thrombogenic surface from the blood. The passivated surface reduces or prevents the adhesion of thrombogenic cells and proteins onto the underlying substrate or material, thereby preventing surface-induced blood clotting. Another approach
involves coatings that actively recruit and bind native albumin from the patient’s own blood
onto the device surface. This albumin-binding coating acquires a thin, self-regenerating absorbed
albumin layer on the surface. In turn, the albumin-covered surface minimizes and prevents the
adhesion of unwanted thrombogenic cells and proteins.
To assess the performance of these non-heparin-based coatings, we have carried out a
variety of in vitro and in vivo experiments, in some cases comparing directly with heparinbased coatings.
1. In Vitro Performance
Figure 10c shows the results of in vitro platelet adhesion experiments, analogous to those described above for heparin coatings. The hydrophilic, passivating coating showed results similar
to those of heparin coatings in this experiment, providing substantially reduced platelet binding.
Figure 14 shows the results of another in vitro test of blood compatibility. Hydrophilic passivating
coatings, with and without heparin, were exposed to flowing blood in a recirculating loop model
of the circulatory system [24]. In this experiment, the amount of platelet adhesion was quantified
by using radiolabeled platelets. Both of these coatings showed greatly reduced platelet adhesion
compared to uncoated surfaces.
The albumin-binding coatings have also been assessed using in vitro and in vivo test
systems. Figure 15 shows the results of an experiment in which surfaces were exposed to human
plasma, and the amount of albumin bound to the surface was determined using antibody binding
techniques. As can be seen in this figure, the albumin-binding coating was capable of increasing
the affinity of the surface to albumin four-fold compared to the uncoated surface. This result
demonstrates the affinity that these coatings have to bind albumin.
2. In Vivo Performance
The photographs of explanted coated and uncoated polymer heart valves in Fig. 16 demonstrate
the in vivo performance of photoimmobilized albumin-binding coatings. In this experiment,
polymer heart valves were implanted in the mitral position in sheep for 5 months to compare
an uncoated valve with a valve coated with an albumin-binding agent. The albumin-binding
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Figure 14 Platelet adhesion under flow condition in an in vitro circulating blood loop model. Uncoated
PE and SurModics synthetic passivating coating, with and without heparin, were tested in the blood loop
model for 1 h with an average flow velocity of 15 cm/s. The passivating coating clearly masked the
underlying PE thrombogenic surface from the blood.

Figure 15 Albumin binding out of human plasma to uncoated and SurModics albumin-binding coating.
Uncoated and coated SR rods were incubated in human plasma and washed. Albumin binding was detected
using an ELISA technique. The albumin-binding coating increased albumin adsorption four-fold compared
to that of uncoated SR.
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Figure 16 Photographs of explanted (a) uncoated and (b) albumin-binding coated polymer heart valves.
The heart valves were tested in 5-month mitral valve sheep implants. The albumin-binding coating clearly
improved the hemocompatibility of the heart valve.

coating on the valves reduced the occurrence of thrombus accumulation on the flexible leaflets
and other components of the valve.
3. Conclusions
The data generated from these experiments demonstrate that these non-heparin-based coatings
can provide substantial improvements in the blood compatibility of medical devices. The results
also validate the scientific principles behind these alternative approaches targeted at preventing
thrombus formation and enhancing the function of blood-contacting medical device materials.
Medical device manufacturers now have the option to choose from either heparin-based surface
modification or a variety of nonheparin, non-biological surface modification approaches to create
hemocompatible surfaces on medical devices.
C. Future Developments
The inherent flexibility of these photochemical coupling methodologies makes possible the
immobilization of a broad variety of molecules with the potential to improve the compatibility
of blood-contacting materials. Current efforts at SurModics in this area include immobilization
of extracellular matrix proteins and peptides (see Section VII), hydrogels, plasminogen binding
reagents, and cell membrane components.

V. ANTIMICROBIAL COATINGS
Medical devices are essential tools in modern patient care. Unfortunately, these useful implements can often lead to serious complications, such as device-related infection, if not managed
properly. Nearly every medical device is prone to infection by a wide variety of pathogens.
Implant devices account for about 45% of all nosocomial infections [25], with catheter-related
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urinary tract infections being the most common form [26]. Ninety percent of bloodstream infections are related to the use of an intravascular medical device [27]. Device-related infection
occurs less frequently in other devices, such as penile implants, but if an infection is evident,
the morbidity is dramatic [28,29]. In addition to those devices listed above, infection of fracture
fixation devices, dental implants, joint prostheses, vascular grafts, cardiac pacemakers and leads,
hip prostheses, artificial voice prostheses, intrauterine devices, mammary implants, mechanical
heart valves, and heart assist devices are associated with millions of infections at rates between
1–50% [30,31].
The pathogenesis of device-related infection is not well understood. Several factors are
thought to be involved. Host immune mechanisms are challenged soon after a device implantation
or similar procedure reducing the normal infectious dose [32,33]. The medical device may itself
act as a ‘‘wick’’ serving as a conduit for opportunistic pathogens. Even under the best aseptic
conditions, studies found that 5000 to 50,000 skin particles are delivered daily from each physician’s flora in intensive care units [34,35]. In the same study, 90% of clean wounds at the
time of closure harbored pathogenic Staphylococcus aureus. A medical device’s topographical
features provide a niche for microorganisms to adhere and subsequently colonize forming biofilms. These biofilms, essentially a microbiological community housed within a exopolysaccharide matrix, are very tenacious and require as much as 1000 times higher antibiotic concentrations
to kill the embedded microorganisms compared to free-floating cells [36,37].
Device-related infections cause significant morbidity and mortality. As with most maladies, prevention is the preferred approach. Simple interventions can reduce the device-related
infection risk. For instance, training of health care workers (HCW) in the proper manipulation
of medical devices reduces preinsertion contamination. Effective hand washing of HCW during
patient care also reduces the risk of nosocomial infections. Full barrier protection during insertion
and proper skin preparation greatly minimize the introduction of pathogens. Lastly, localizing
an antimicrobial(s) at the likely infection site or at the device, or making the surface less conducive for microbial attachment, offers a more targeted approach compared to systemic dosing in
order to prevent and/or control device-related infection.
Antimicrobial coatings are perhaps the last safeguard in this total system approach for
prevention of device-related infections. SurModics’ PhotoLink威 photochemical coupling technology can be used in various ways to help reduce the risk of device-related infections. Some
PhotoLink coatings provide antiadherent properties to devices; others can be engineered to serve
as reservoirs for antimicrobial agents, which may be released at a measured rate from the device
surface or immobilized.
A. Antiadherent Coatings
Biofilm formation is a complex process, which involves a variety of physical and chemical
factors. In simplistic terms, biofilm genesis proceeds in this fashion: (1) organic molecules
condition a device surface; (2) planktonic microbes migrate to the conditioned surface and attach;
(3) genes are expressed to generate an exopolysaccharide matrix; (4) cell-to-cell communication
occurs forming microcolonies; (5) the microcolonies propagate generating very high numbers
of microorganisms housed within a growing protective shell of exopolysaccharide; and (6) sessile
cells slough off and travel to other sites to regenerate this process and/or infect surrounding
host tissue.
Prevention of biofilm formation is most likely to be successful if the multiple steps listed
above are disrupted. Once the microcolonies start to propagate, it is very difficult for systemic
antibiotics to stop the process. A means to prevent the onset of biofilm formation at the early
stages is to passivate the surface with a hydrophilic coating. Keeping a medical device surface
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free from organics in vivo is highly unlikely; however, this surface can be coated to address
some of the biofilm formation dynamics. Surface roughness, charge, material of construction, and
hydrophobicity all contribute to biofilm initiation [38–40]. Photoactivated hydrophilic coatings
‘‘smooth out’’ the topography of many medical devices making them less susceptive to microbial
attachment.
A study performed to test the antiadherent properties of the coatings was done as follows:
High-density PE slides (5.0 ⳯ 1.0 ⳯ 0.16 cm) were coated with a photoactivated hydrophilic
coating. Both coated and uncoated slides were then conditioned with human platelet-poor plasma
diluted 1:4 in PBS. After a 2-h incubation period at room temperature, the slides were washed
with tris NaCl Tween威 20 buffer. The plasma-conditioned slides were challenged by immersion
in a 1 ⳯ 105 colony forming units (CFU)/mL suspension of Staphylococcus epidermidis and
incubation for 24 h at 35⬚C. The contaminated slides were gently rinsed twice with sterile PBS
to remove loosely adhered cells. The attached bacterial populations were stained with a fluorescent dye (BacLite, Molecular Probes, Eugene, OR), then imaged in a fluorescent microscope.
The photoactivated hydrophilic coating afforded protection against bacterial adherence in
this test. Figure 17 shows coated and uncoated PE slides that were challenged with S. epidermidis.
No bacteria were noted on the coated PE surface after 24 h, while the uncoated sample showed
a sizable sessile population calculated to be approximately 3 ⳯ 106 CFU/cm2. The observations
noted in the micrographs depicted in Fig. 17 were consistent across numerous fields of view in
the fluorescent microscope.
In a second study, polypropylene catheters were coated with photoactivated hydrophilic
polymers. These catheters were inserted subcutaneously perpendicular to the dorsal midline into
six anesthetized New Zealand white rabbits. Three coated catheters were placed equally spaced
along the right dorsal side, while uncoated catheters were situated on the left dorsal side. Five

Figure 17 A PhotoLink hydrophilic coating greatly reduced adherence of S. epidermidis to PE following
a 24-h exposure time. Surface analysis using imaging software determined that the sessile population on
the uncoated sample was approximately 3 ⳯ 106 CFU/cm2. No bacteria were observed on the hydrophiliccoated surface across numerous fields of view. Bars ⳱ 50 m.
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centimeters of each catheter were tunneled under the skin while, 1 cm remained exposed on the
skin surface. The catheters were anchored to the rabbits’ skin with adhesive tape and sutures.
Cotton gauze sponges (5 ⳯ 10 cm) were secured over each exit site with silk sutures. The
catheters were challenged by evenly inoculating the sponges with 10 mL of an overnight S.
aureus suspension diluted to 3.5 ⳯ 108 CFU/mL in PBS. A bandage was placed over all the
sponges and exit sites to prevent self-mutilation and disruption of the catheters. The rabbits
were observed daily, and all rabbits recovered from the surgery without complications.
One week following the S. aureus challenge, all rabbits were euthanized with sodium
pentobarbital, and the catheters and surrounding tissue were collected from each rabbit. Onecentimeter segments of the catheter and surrounding tissue were clipped from the proximal and
distal ends in relation to the insertion site. The segments were subjected to sonication and
homogenization, then enumerated on tryptic soy agar.
The photoactivated hydrophilic coatings provided significant protection against bacterial
adherence to the catheters (Fig. 18). The geometric means of the uncoated catheters were approximately two log units higher than the respective coated catheters. As expected, the proximal
catheter segments exhibited a higher infection rate and a higher bacterial load compared to the
distal segments. The photoactivatable hydrophilic coating markedly reduced bacterial adherence
to the catheter surfaces, as well as minimizing ‘‘wicking’’ along the length of the catheter.
B. Active Antimicrobial Coatings
1. Matrices for Incorporating Antimicrobials
Antimicrobials can be incorporated into medical device coating matrices. This ‘‘targeted’’ approach is favored over systemically delivered antibiotics since the antimicrobial agent is concentrated at the site where infection is most likely to occur. Fewer side effects are realized for
a targeted antimicrobial application compared to systemic dosing. Also, a broader range of
antimicrobial agents may be used in medical device coatings compared to systemic application

Figure 18 A PhotoLink hydrophilic coating afforded marked bacterial antiadherence protection to a
polypropylene catheter. Coated and uncoated catheters were inserted perpendicular to the dorsal midline
in rabbits. Ten milliliters of a 3.5 ⳯ 108 CFU/mL S. aureus suspension were applied to a gauze sponge
covering the insertion site. Bacteria adhering to the catheter and surrounding tissue were enumerated
following a 1-week exposure.
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since far less active agent is dosed, and the agent is generally localized in the device microenvironment. Depending on the antimicrobial chosen, this may minimize the issue of microbial
resistance associated with systemic antibiotics.
Antimicrobial agents, such as chlorhexidine, can easily be imbedded within a photoimmobilized hydrogel. A negatively charged hydrogel coating reservoir is particularly well suited for
a positively charged antiseptic like chlorhexidine. The antimicrobial agent slowly percolates out
of the hydrogel matrix into the microenvironment where it provides its antimicrobial benefit.
Various methods exist for controlling the rate of release of active agents into the microenvironment. For instance, the application of a topcoat over an antimicrobial-containing coating extended
the release of active agents over time (data not shown).
The data shown in Fig. 19 demonstrate that a photoactivatable hydrogel can serve as a
reservoir for active antimicrobial agents. For this experiment, approximately 4 ⳯ 105 CFU/cm2
of S. aureus was equally distributed onto the surface of a Mueller–Hinton (MH) agar plate and
allowed to dry. Staphylococcus aureus is a pathogen found on the skin that is frequently associated with device-related infections. Coated and uncoated PU rods were placed onto separate S.
aureus seeded plates and then placed into a 37⬚C incubator for 24 h. The zone of inhibition
(ZOI), or clearing along the length of the PU rods, was measured on each plate with a caliper.
If a ZOI was evident, the PU rod was transferred in the same orientation to a freshly seeded
MH plate after each 24-h interval.
As seen in Fig. 19, the chlorhexidine-coated PU rod was efficacious against S. aureus.
The uncoated PU rod did not afford any protection against the S. aureus challenge. Activity
was maintained through 7 days of testing. The highest ZOI was seen at day 1, which is beneficial
to the patient as the highest risk of infection typically occurs immediately following implantation.
Days 2 through 7 showed a sustained release of chlorhexidine leaching consistently out of the
coating to act against S. aureus.

Figure 19 Activity of a PhotoLink antimicrobial coating containing chlorhexidine digluconate. This
active antimicrobial coating on PU (3 mm diameter) exhibited sustained efficacy against methicillinresistant S. aureus initially present on the PU surface at approximately 4 ⳯ 105 CFU/cm2. The rod diameter
depicted by the horizontal line is included in the bars.
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As with most medical devices, infections are a frequent and a serious complication with
orthopedic fixation devices. To address this problem, a photoimmobilized hydrogel drug reservoir containing chlorhexidine was evaluated using a 14-day rabbit tibial intramedullary model.
In this study, stainless steel pins were incubated with 1⳯106 CFU of a clinical isolate of S.
aureus from a chronic osteomyelitis infection. After the planktonic organisms were washed
away, inoculated pins were inserted into the medular cavity of a rabbit leg through a hole drilled
into the proximal tibia. Animals were sacrificed 2 weeks after the surgery. The explanted pins
were sonicated to remove bacteria, which were enumerated by plate counting. In addition, the
bone adjacent to each pin was collected and homogenized and the bacteria enumerated. Coated
pins containing antiseptic reduced the number of bacteria by approximately 3 logs (Fig. 20) and
prevented osteomyelitis in 80% of the animals (Fig. 21). Therefore, the photoimmobilized hydrogel coating containing chlorhexidine was shown to be efficacious in preventing osteomyelitis
caused by S. aureus.
2. Immobilization of Antimicrobials
Another coating strategy is to immobilize antimicrobials directly to the medical device surface
using a ‘‘linker’’ molecule. Immobilized antimicrobials on medical devices must have at least
three characteristics: (1) a surface-active mode of action; (2) activity against a broad spectrum
of pathogenic microorganisms; and (3) a chemical structure which allows linkage to the device
surface while retaining its antimicrobial activity. There are some advantages and disadvantages
associated with immobilizing antimicrobials directly to the device surface versus antimicrobials
that are eluted from a coating matrix. A potential benefit of immobilization is longer lasting
activity. A few drawbacks include (1) the microorganisms must intimately contact the immobilized antimicrobial for the surface-active agent to exert its effect; (2) if the device surface is
fouled, biologically or otherwise, contact between the microbe and the immobilized antimicrobial
may be masked; and (3) there may be a limited selection of surface-active antimicrobials which
meet the criteria above.
However, a group of novel cationic antimicrobial peptides fulfill these requirements. These
peptides have been isolated from a variety of sources and include peptide derivatives of human

Figure 20 Efficacy of surface-modified pins in a rabbit tibial intramedullary model.
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Figure 21 Osteomyelitis associated with surface-modified pins in a rabbit intramedullary model.

platelet factor IV [41]. These peptides, which kill a broad spectrum of bacteria, possess an
amphiphilic ␣-helical structure and form holes in artificial membrane systems [41]. Hence, the
mechanism of bactericidal activity of these peptides is probably by insertion of the helix into
the bacterial membrane, causing osmotic lysis. Finally, these peptides (1) are surface-active
[41–45]; (2) are microbicidal to variety of pathogens including Staphylococcus epidermidis,
Escherichia coli, Pseudomoas aeruginosa, and Pseudomonas mirabilis [42,46,47], all of which
play a role in device-centered infections [32,40,48,49]; (3) contain functional groups available
for covalent coupling to support materials [43]; and (4) are available as synthetic peptide products
with high specific activities [42,46,50].
To evaluate this coating strategy, W. L. Cosand, J. Blake, and R. P. Darveau (BristolMyers Squibb Pharmaceutical Research Institute, Seattle, WA) kindly provided a synthetic peptide analog of the bactericidally active 13-residue carboxy-terminal portion of human platelet
factor IV (377VV). The 377VV peptide was photoderivatized, HPLC purified, and evaluated
by microdilution assay to determine the minimal inhibitory concentration (MIC) against a variety
of microorganisms. The results shown in Table 2 indicate that a photoreactive derivative of
377VV could be synthesized with little or no loss in microbicidal activity against a variety of
gram-negative and gram-positive bacteria.

Table 2 Minimal Inhibitory Concentration of Peptides on Various Organisms
Microorganism
E. coli
S. epidermidis
K. pneumoniae
Proteus vulgaris
S. aureus
P. aeruginosa
Serratia marcescens

377VV (g/mL)

Photo-377VV (g/mL)

3.125
1.56
6.25–12.5
3.125
25
6.25
100

12.5
12.5
12.5
3.125
25–50
12.5
⬎100
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In addition, an in vitro assay was used to assess the antimicrobial activity of the peptides
immobilized on silicone rubber (SR) disks. Briefly, the SR disks were placed individually in
the wells of a microtiter plate. Subsequently, approximately 100 CFU of a S. epidermidis suspension was added to each disk by centrifugation. Bacteria-coated disks were incubated overnight
at 37⬚C on tryptic soy agar, and the number of colonies growing on the surface of each disk
was enumerated. The results shown in Fig. 22 indicate that 377VV adsorbed onto the surface
was ineffective in reducing the growth of S. epidermidis, whereas photoimmobilized 377VV
completely abrogated bacterial growth.
C. Conclusions
Device-related infections are a significant problem in the health care industry. Controlling the
sterility of an implant area and device is extremely difficult to maintain before and after implantation. Proper insertion site preparation, maintaining a strict sterile field, appropriate hygiene of
HCW, and postwound site cleanliness are crucial elements in this continuous battle against a
vast variety of pathogens. Systemic antibiotic dosing has many disadvantages associated with
it, including but not limited to the buildup of resistant organisms. Coating medical devices with
antiadherent and/or antimicrobial agents offers a value-added benefit to medical devices serving
as perhaps the last line of defense in minimizing the risk of nosocomial infections. The photoactivatable processes described in this chapter offer an environmentally friendly, flexible, and economical means to coat many medical devices on the market.
VI. COATINGS FOR LOCAL DRUG DELIVERY
Most medical devices have limitations in terms of their efficacy or longevity because of the
inherent response of the body or pathogens to the implant. For example, tissue ingrowth, infec-

Figure 22 Antimicrobial activity of an immobilized peptide against S. epidermidis. Bacterial growth was
evaluated on SR disks that were untreated; coated with underivatized peptide and illuminated with UV
light; coated with photoderivatized peptide, but not illuminated; or coated with photoderivatized peptide
and illuminated with UV light.
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tion, inflammation, immune system targeting, and thrombogenesis can all inhibit the function
of devices [30,51,52]. In many situations, pharmaceuticals or antimicrobial agents are given to
a patient systemically to improve or enable the performance of the implanted medical device.
Although generally helpful, in many cases this approach is insufficient or entirely ineffective
in treating the undesirable events associated with the implant [37,53–55]. A different approach
to this problem is to provide a local dose of the pharmaceutical or antimicrobial agent delivered
directly from a coating on the surface of the implanted device [56]. This approach has several
advantages over systemic delivery of the drug: (1) it circumvents the toxicity associated with
many drugs which must be given at high doses to achieve sufficient local concentrations at the
implant site; (2) the drug is targeted at the intended site of action, ensuring that only the tissue
needing the drug receives it; and (3) much less drug is needed, providing a cost savings. In this
section, the development and application of drug delivery coatings for medical devices will be
discussed. The specific example of coatings for vascular stents to inhibit restenosis will be
presented. Antimicrobial drug delivery coatings have been described in a separate section.
A. Applications of Drug Delivery Coatings
There are a variety of devices that could benefit from the inclusion of a local drug delivery
coating. For example, pacing leads frequently result in excessive tissue ingrowth and fibrous
capsule formation at the point of electrical contact with the heart muscle tissue, which interfere
with sensing and the delivery of the pacing signal. If a coating could be applied to the surface
of the pacing lead to deliver a drug to reduce the tissue ingrowth, the functionality and useful
lifetime of the lead could be increased. As a second example, coronary stents, which are implanted during interventional cardiology procedures, result in the phenomenon of smooth muscle
proliferation, which is stimulated by the vessel wall damage caused by the inflation of the
balloon during the procedure and the continuing presence of the stent thereafter. Such cellular
proliferation results in the accumulation of tissue in the lumen of the stent causing decreased
blood flow through the vessel, which often necessitates repeat interventional procedures. Other
devices, such as indwelling catheters, orthopedic implants, and heart valves could also benefit
from local drug delivery approaches.
B. Development of Drug Delivery Coatings
Local drug delivery coatings can be fabricated in several ways using biodegradable or biostable
materials. Biodegradable coatings have the advantage of being present in the body only transiently and thus do not pose a long-term biocompatibility risk. Such coatings are capable of
being loaded with a high concentration of drug and can have release rates tailored to a variety
of durations. The degradation products of a biodegradable coating, however, must be tolerated by
the host [57]. The chemical breakdown products must not provoke any significant inflammatory
response, nor should the coating create unwanted particulates during the degradation process.
A biostable coating must possess good long-term biocompatibility that meets or exceeds the
biocompatibility of the implant itself. If a coating must be exposed to the bloodstream during
implantation, the coating should be no more thrombogenic than the bare implant device.
In addition to biocompatibility issues, which are of concern for any implant material, there
are several challenges that are unique in designing and implementing a drug delivery coating
for a medical device. For example, there are limits to the thickness of the coating that can be
applied to the device. This will constrain the quantity of drug that can be incorporated onto the
surface of the device. Some devices have very small surface areas, such as coronary stents and
ophthalmic devices, which also limit the amount of drug which can be incorporated onto the
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surface of the device. Another challenge in creating drug delivery coatings is that the chemical
properties (e.g., size, solubility, charge) of the drug may limit the quantity of drug that can be
formulated in the coating. Because of the limitations on the amount of drug that can be incorporated in a drug delivery coating, it is important that drugs of sufficient potency be available for
specific applications.
Drug delivery coatings must adhere well to the device surface with the desired goal of
no delamination during use of the device. These coatings must be capable of surviving the
physical challenges of manufacturing, sterilization, and implantation. For example, stent coatings
must survive balloon mounting procedures; sterilization by gamma, ethylene oxide, or e-beam
methods; travel through the lumen of a guide catheter; and the balloon expansion process in
the target vessel. In addition, drug delivery coatings must not interfere with the primary function
of the device.
Drug delivery coatings must provide a sufficient dose of drug during a desired time frame.
As discussed previously, there are limitations to the amount of drug that can be incorporated
in a coating. This sets an upper limit to the amount and duration of delivery. Therefore, for
effective performance, the delivery of the drug should be timed and controlled by the components
of the coating to match with the timing of the biological process the drug is intended to modulate.
Because of the variety of drug candidates available, this emerges as a new challenge with each
drug which must be delivered. It is probably not possible to design a coating system that works
with all drugs, but coating systems should be flexible enough to work with many compounds.
Drugs of interest include salts, small water-soluble compounds, small organic-soluble compounds, polysaccharides, peptides, proteins, oligonucleotides, DNA, and RNA.
C. Example of SurModics’ Drug Delivery Coatings: Drug Delivery Stents
Vascular stents are small, hollow, metal scaffolds that are placed in blood vessels to maintain
lumen patency after interventional procedures. There are two major complications associated
with stent use: thrombosis and restenosis [58,59]. Thrombosis occurs when blood coagulation
initiates on the surfaces of the stent, which leads subsequently to severe narrowing or complete
occlusion of the blood vessel. Restenosis is a progressive narrowing of the blood vessel, which
occurs over weeks to months, caused by the injury to the vessel during stent expansion and the
continued presence of the metal stent. Operator technique and anticoagulant drugs given to
patients have substantially reduced, although not eliminated, the occurrence of stent thrombosis,
with rates currently in the neighborhood of 1%. The phenomenon of restenosis, however, continues to be a substantial problem, resulting in repeat intervention in about 20–30% of cases [60].
Several approaches to treating restenosis in stents have been attempted, including administration of drugs systemically, catheter-based local delivery of drugs, and local radiation treatment
(brachytherapy). None of these have been substantially effective at reducing restenosis rates in
patients receiving stents, although brachytherapy has shown success in reducing the reoccurrence
of restenosis in patients who received angioplasty to treat a stent that failed previously due to
restenosis. A different approach to preventing restenosis is to deliver a drug from the surface
of the stent into the vessel tissue. The current understanding of the mechanism of restenosis
suggests that the primary contributor to renarrowing is the proliferation and migration of smooth
muscle cells from the injured artery into the lumen of the vessel [61,62]. Therefore, the types
of drugs that have been studied to treat restenosis include agents that inhibit the proliferation
and migration events, as well as agents that inhibit inflammation, resulting from the arterial
injury caused by balloon expansion, which is suspected to contribute to the cell infiltration.
Preparation of drug delivery coatings on stents has several challenges, including some of
those mentioned above. Stents have very low surface area, typically in the range of 1–2 cm2,
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which only allows small quantities (hundreds of micrograms) of drug to be incorporated into a
coating. Consequently, potent drugs must be used. The release of the drug from the coating
must be coordinated with the intended biological targets, which may be upregulated anywhere
from minutes to weeks after the stent implantation procedure. The coating must survive several
physical challenges. The coating must also not interfere with the primary function of the stent,
which is to physically support the walls of the blood vessel.
There are several ways to prepare drug delivery coatings and to control the release of a
drug from the stent surface. The method SurModics has employed is to form coatings using
combinations of nonbiodegradable polymers and drug, with the objective of achieving a homogeneous mixture on the surface of the stent. The release of the drug is controlled by the loading
of the drug and the composition of the polymer components, both of which influence the rate
at which the drug diffuses out of the coating. Additional control of the release can be achieved
by applying barrier coatings onto the surface of the drug-containing polymer layer.
As an example of the work done at SurModics with drug delivery coatings, we will describe
examples involving several model drug compounds. Due to proprietary constraints, these drugs
will not be named. Polymer coatings containing drug were prepared by depositing films on
stainless steel disks or laser-cut, stainless steel, balloon-expandable stents. Coating solutions
were prepared using a blend of two polymers, polyethylenevinylacetate and polybutylmethacrylate (PEVA and PBMA), and drug. The concentrations of components (polymers and drug) were
varied to obtain different loading levels of drug, different ratios of drug to polymer, and different
ratios of the polymer components.
The coatings were investigated using several types of surface analytical techniques. Optical
microscopy and scanning electron microscopy were used to assess uniformity and surface texture
of coatings. Raman IR spectroscopy was used to obtain spatial information on the chemical
composition of the films, including location and relative concentration of polymer and drug
components.
The surfaces of most of the drug-containing coatings were smooth when viewed under
the visible microscope (Fig. 23) and SEM. In some cases, coatings showed indications of greater
roughness or cloudiness. Texture in the surface of the coatings, however, could be minimized
by coating process changes. The results of the Raman microscopy were used to delineate the
thicknesses of the coatings and the distribution of the components within the coating. It was
possible to locate unique peaks in the spectra, which identified the drugs and each of the polymer
components in the surface coatings. In some cases, it was possible to visualize the distribution
of drug within the coating, indicating the coating homogeneity. In Fig. 24, the distribution of
polymers and one particular drug in a stent coating are shown.
Mechanical integrity of the coatings was tested by crimping coated stents onto balloon
catheters, hydrating the balloon-mounted stents, and then expanding the stents by inflating the
balloons. The durability of the coatings was assessed by optical microscopy. Coatings were
developed which withstood the crimping and balloon expansion with no cracking or delamination. Coatings with lower concentrations of drug showed the best tolerance to balloon expansion.
Optimal ratios of polymer to polymer and of polymer to drug in the coating were defined for
each drug.
Elution of drug from the coatings into solution was assessed by incubating the coated
disks or stents in capped vials containing solvent stirred at 37⬚C. At various intervals, the stent
or disk was removed from the vial and placed in fresh solvent, and the incubation was continued.
The drug concentration in each sample was measured using UV/visible spectrophotometric or
HPLC methods. Samples were taken at intervals until a predetermined time point or until drug
no longer eluted from the coating. Solvents used included PBS and mixtures of PBS containing
organic solvent.
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Figure 23 Visible microscope image of drug delivery coating. The coating covers the stent completely
and uniformly. The surface of the coating is generally smooth and even.

Figure 24 Raman infrared microscope images of a drug delivery coating on a stent. The coating is
viewed in cross-section. In the top image, a Raman peak specific to the polymer components is used to
indicate the location of the polymers in the coating. It can be seen that the polymer components are
uniformly distributed. In the bottom image, a Raman peak specific to the drug is used to map the location
of the drug in the coating. It can be seen that the drug is well distributed in the polymer coating, but with
some areas of higher and lower concentration.
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Figure 25 Example of in vitro drug release from several coating variations. Three different polymer
coatings containing drug 1 were prepared on stainless steel disks. The same drug loading was used for
each coating type, but the composition of the polymer matrix holding the drug was modified to control
release. Elution of the drug was controlled to yield fast or slow release.

Experiments with the coatings on disks or stents showed that all three of the drugs could
be successfully loaded into the polymer coatings. For stents, it was possible to achieve levels
of drug as high as about 500 g/cm2, with a more typical loading of 100–200 g. Elution of
the drug was controlled by varying the ratios of the polymers constituting the coating and by
varying the ratio of drug to polymer in the coating. As an example, release of drug 1 from the
surface of coated disks could be controlled to elute quickly, in a few days, or slowly, in about
2 months (Fig. 25). The control over release was achieved using different coating compositions,
with the same total loading of drug. Figure 26 shows the results for drug 2 eluting from similar
coating formulations. As can be seen from the data, a wide range of release profiles can be
achieved with this coating system. Figure 27 shows the release of drug 3 from stents coated
with similar polymer formulations. Although data are not shown here, it is also possible to
control the release kinetics by varying the drug loading in the coating.
In addition to these in vitro release studies conducted by SurModics, this polymer coating
system containing the drug Sirolimus has been tested extensively in vivo. The release of Sirolimus from coated stents has been demonstrated in both animal [63] and human clinical [64,65]
studies to substantially reduce the restenosis rate of coronary stents. In addition to demonstrating
the effectiveness of local drug delivery at treating restenosis, these results indicate that the
coating system is well tolerated in the arterial tissue, confirming the biocompatibility of the
polymer materials.
D. Summary
Coatings can be formed on the surfaces of medical devices to contain and release drug. The
delivery of the drug can be designed to enhance the in vivo performance of devices. In a particular
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Figure 26 Example of in vitro drug release with a different drug candidate. Three coatings containing
drug 2 were prepared using methods similar to those in Fig. 25. Again a broad range of release rates was
achieved by varying the composition of the polymer matrix, while holding the drug loading constant.

Figure 27 Example of in vitro drug release from coated stents. drug 3 was formulated in three different
polymer matrix coatings at the same drug loading level. Release of the drug from the coating into PBS
at 37⬚C was monitored over time. As seen with the coatings on disks above, the release rate of the drug
could be controlled by adjusting the coating formulation.
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example, coronary stents, coatings have been prepared that can bind up to 500 g/cm2 of drug
and can release the drug for durations ranging from days to several months. The drug delivery
coatings were homogeneously distributed on the stent and were found to be durable to crimping
and balloon expansion of the stents, as demonstrated by surface analytical techniques. This
coating method is feasible with a variety of drug types. In vivo testing of coated stents containing
drug has demonstrated efficacy in animal and clinical studies. Also, although the studies described in this section were focused on coatings for stents to release antirestenosis compounds,
the same type of coating approach could be applied to a variety of medical devices.

VII. HIGH-THROUGHPUT BIOCHEMICAL ASSAYS
With the completion of the human genome, several new ‘‘omes’’, such as proteome, transcriptome, metabolome, ligandome, and physiome, have been introduced to address various
functional components of an organism in its entirety. The traditional approach of studying a
single gene, protein, or biomolecule has been complemented and, in many cases, supplanted
with the entire set. As an example, capturing a single protein in an organism is important for
identification and characterization, but it is the interaction of this protein with numerous other
proteins and cellular factors that determines its function and effect in the overall activity of that
organism. Studies that challenge the whole genome or proteome are becoming more common
and relevant. Therapeutic and pharmaceutical industries are also adapting such platforms for
expediting target identification and validation schemes.
In order to analyze the whole genome or proteome, thousands of molecules are processed
simultaneously in an orderly fashion. For higher throughput, these processes have to conform to
the same standards as was developed for the computer industry decades ago, i.e., miniaturization,
automation, and parallelism. Arrays or microarrays provide such an integrated platform for
the analysis of biomolecules [66,67]. Microarrays are generally small glass microscope slides
conditioned for immobilization of nucleic acids, proteins, carbohydrates, tissues, or living cells
and running subsequent assays for identification or detection of targets of interest. These arrays
are used to run nucleic-based expression analyses (DNA arrays) [68–70], run immunoassays, and
protein–protein and protein–DNA interactions (protein arrays) [71–74]; analyze small molecular
weight ligands to capture drug targets (chemical arrays) [75,76]; study gene effects, functions
and phenotypes in living cells (cell arrays) [77,78]; monitor molecular recognition and antiinfection responses (carbohydrate arrays) [79,80]; and to obtain a molecular profile of tissues
(tissue arrays), [81–83].
DNA arrays are still the most commonly used arrays. These arrays have been used for
monitoring gene cataloging, gene discovery, genotyping, mutation detection, exon mapping, and
resequencing analyses [84–89]. There are two types of DNA microarrays: cDNA and short
oligonucleotides (oligos). Short oligo–based microarrays are further divided into two groups.
In one group, microarrays are developed by in situ synthesis of the oligos on the solid support
by photolithography (Affymetrix, Rosetta); whereas in the second type arrays contain oligos
that are presynthesized, purified, and immobilized on the glass surface (Amersham Biosciences,
Agilent). Arrays with presynthesized oligos provide better quality control and flexibility of
designing any array of choice without redesigning the whole chip.
Proteins are the ultimate functional units in any organism. The RNA level, which is studied
to understand the expression of different genes, is not truely representative of the cellular activity
in a certain tissue at a certain time and condition. There are close to a million proteins, versus
about 30,000–40,000 genes, in humans [90,91]. Several proteins are translated from a certain
gene; therefore, the ultimate goal of a functional analysis is to get a hold of proteins, directly
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or indirectly. Protein arrays, though still in infancy, are opening doors to address challenges
faced by protein research. Proteins are quite sensitive to the reaction conditions; slight variation
in the buffer and environmental conditions can render them inactive.
A. Matrices for Nucleic Acid and Protein Immobilization
Immobilization of nucleic acids onto surfaces is quite challenging. A desirable surface supports
the attachment of biomolecules as well as being suitable for running biochemical assays. In a
majority of the cases, glass or plastic surfaces as well as the oligos have to be chemically
modified for immobilization of the oligos. PhotoLink technology is used to modify glass surfaces
for producing three-dimensional porous surfaces (see Figs. 1 and 2; Section II). Silanized glass
slides are coated with polymers containing both photoactivatable groups and active esters. Upon
illumination, the polymer forms an insoluble, porous, lightly crosslinked hydrogel matrix with
reactive groups that are covalently bound to the surface. Amine-terminated oligos are spotted
on the polymer layer where the ester reacts to form the structure shown in Fig. 28a. To enhance
the binding of the oligos and hydrolyze the reactive esters, spotted slides are incubated at higher
humidity conditions followed by soaking in ethanolamine to purge residual esters.
Unlike DNA, proteins are quite sensitive to immobilization on planar surfaces and lose
activity if proper conditions are not maintained. In their simplest form, proteins are adsorbed
on surfaces that have high affinity for them, e.g., polystyrene. These surfaces are simple to use
but can cause protein inactivation and steric occlusion [92]. In addition, coating on such surfaces
results in a patchy and heterogeneous immobilization. Another method relies on genetically
adding a tag on one end of the protein to covalently bind proteins to the activated surface.
However, this approach is expensive and not practical for high throughput. For our protein
immobilization research, we use an aldehyde surface (Fig. 28b) followed by a reduction step.
Aldehydes bind with primary amines of proteins and provide a gentler surface that maintains a
high level of protein activity. High immobilization and signal-to-noise ratio are produced, which
makes it suitable for protein–protein and DNA–protein interaction as well as for immunoassays
[73].
B. Characteristics of Surfaces Coated with PhotoLink Technology
1. Three-Dimensional Configuration
Immobilization of a biomolecule on a planar surface results in lower sensitivity and consistency
in high-throughput biochemical assays. Membranous and polymer-coated slides provide the

Figure 28 Photocoupling of polymers to the glass surface for (a) oligo and (b) protein immobilization.
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porosity needed for higher loading of the biomolecule as well as for running the subsequent
assays. Having a three-dimensional supporting matrix is advantageous since it generates a uniform surface capable of homogeneous immobilization. Matrices generated at SurModics conform
to these needs (Fig. 29).
With the increase in coating thickness, higher hybridization signals were obtained with
lower oligo usage in DNA microarrays; 1.5- to 2-fold more signal was detected in thick-coated
slides than that in thin-coated slides printed at the same oligo concentration (Fig. 30). Thus,
thicker coated surfaces can reduce the cost of the microarray fabrication considerably. Moreover,
a thicker hydrogel matrix is well suited for preserving protein activity by maintaining suitable
buffer conditions. This matrix could also be modified to support live cells for functional analysis
and identification of drug targets in arrays of living cells [78]. Protein immobilization experiments for enzyme-linked immunosorbent assay (ELISA) on slides coated with PhotoLink reagents have shown improved sensitivity and minimal nonspecific binding of the antibodies or
antigens.
2. High Attachment Efficiency
Binding capacity is indicative of the reactivity of the surface conferred by active esters. Several
factors affect this capacity, especially print buffers, thickness of the matrix, and environmental
factors. A linear relationship was observed when a fluorescently tagged oligo was printed at
various concentrations (Fig. 31). However, this binding is not reflective of the hybridizability
of the oligo; steric hindrance limits the amount of the target that is hybridized. Maximum
hybridization signal is seen when the oligo is printed at a concentration between 5–10 M,

Figure 29 Three-dimensional image of a section of a coated slide taken by atomic force microscopy.
Part of the surface has been scratched to measure thickness by tapping mode and is shown in black.
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Figure 30 Effect of thick versus thin coated slides on print density and hybridization signal. Oligos were
printed at a concentration of 20 M in 50 mM phosphate buffer using a contact printer. Oligo in the
oligo–oligo system was a 30-base-long probe picked from a human gene. To determine differences in
thin- and thick-coated slides, the oligo-printed slides were hybridized to a 30-base-long, fluorescently
tagged target in a standard oligo hybridization procedure. Biotin and expression were also 30-base-long
oligos from human genes designed to determine attachment density and hybridization pattern, respectively.
The target for the biotin oligo was a 30-base-long oligo terminated with a biotin, while for the expression,
the target was biotinylated cRNA amplified through in vitro transcription methods from human liver RNA.
Hybridization was carried out in Grace bioLab Chambers for 16 h at 37⬚C with constant shaking at 300
rpm. Finally, the hybridized slides were coupled with Streptavidin Alexa Fluor-647 and imaged on a
GenePix Axon scanner.

irrespective of the target concentrations used (data not shown). Binding capacity of a PhotoLink
slide matrix was determined using 35S-labeled 30-base-long oligos. The oligo was printed at a
concentration of 20 M in standard printing buffer and allowed to react over night at 75%
relative humidity. Slides were run through a mock hybridization. At the end, oligos were detached
from the slides and the activity measured in a scintillation counter. These and other results
obtained at SurModics indicate that 5–6 pmol/cm2 were immobilized (Fig. 32).
Oligo binding is dependent on the concentration applied (Fig. 29). This information, combined with NMR data on the reactive esters and a 3H-lysine study to determine the amount of
polymer deposited on the slide, indicates that immobilization of 5–6 pmol/cm2 results from
reaction with a small fraction of NOS groups on the surface. Higher oligo immobilization results
when higher concentrations are deposited. Nevertheless, this enhanced immobilization of oligos
does not affect the hybridization pattern of the system when larger molecules, like RNA, are
used a targets. Maximum hybridization is detected at an oligo print concentration between 5–10
M (Fig. 33). A drop in hybridization signal beyond 10 M oligo print concentration is suggestive of the steric hindrance.
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Figure 31 Signal intensity of an oligo printed at different concentrations. A 30-base-long oligo was
labeled with Cy3 on the 3′ and C6-amino linker on the 5′ end. Signal was detected using an Axon scanner
in the appropriate channel.

3. Linear Dynamic Range and Sensitivity
A comparison of amine- and hydroxyl-terminated oligos revealed that several-fold less attachment efficiency is observed in the latter. If active esters are not hydrolyzed, such nonspecific
binding could result in enhanced background when hybridization assays are run on them for an
extended period of time. To minimize this binding, printed slides are incubated at higher relative
humidity (75%) and soaked in ethanolamine, which helps improve the signal-to-noise ratio. This
has been confirmed in several studies done in house as well as by others [93]. Lindroos, et al.
[93] compared several commercially available coated slides with the ones coated in their labora-

Figure 32 Signal intensity of an oligo printed at different concentrations. A 30-base-long oligo was
labeled with Cy3 on the 3′- and C6-amino linker on 5′ end. Signal was detected using an Axon scanner
in the appropriate channel.
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Figure 33 Effect of print concentrations of capture oligo on the hybridization signal. Hybridization target
was done with a synthetic fluorescently tagged target at a concentration of 5 nM. All the oligo sequences
are the same and 30 bases long; 3N33 was modified with C6 amino linker at the 3′ end, while 5N33 was
modified with the same linker at the 5′ end, and 5N(C12)-33 was modified with C12 amino linker on the
5′ end. Hybridization was carried out at 45⬚C for 2 h with shaking at 350 rpm in 5X SSC, 0.1% SDS.

tory using different chemistries. Parameters used for the evaluation of slides consisted of slide
background, attachment efficiency, and performance in detecting single nucleotide polymorphism. In this study, overall signal intensities from 3D-LinkTM Activated Slides (amine functional SurModics slides, sold as CodeLinkTM Bioarray Slides by Amersham Biosciences) were
6–40 times higher than the second best performer among the selected group of slides.
Ramakrishnan et al. [94] assessed the performance of the CodeLink slides for performing
gene expression analysis in terms of specificity, reproducibility, and linear dynamic range. Based
on results from transcript spiking and hybridization, sensitivity of the system was determined
to be 1:900,000. According to some estimates, a mass ratio of 1:300,000 [95] or 1:100,000 [96]
corresponds to the gene expression of one copy per cell. Specificity of the CodeLink system
was also quite high with a 90% sequence homology, which corresponds to a 3-base mismatch
in a 30-base-long fragment. Similarly in this study, coefficient of variation of 10% was observed
across slides and target preparations. Hybridization signal was linear over 2.5–3.0 orders of
magnitude. Results from this study underscore the importance of a high quality matrix along
with attachment chemistry and target preparation methods.
4. Overall High Performance
In a recent study conducted at SurModics, three activated surfaces were compared with 14 other
commercially available activated slides, all generated through PhotoLink technology (Fig. 34).
Poly-L-lysine slides coated in house were used as a control. All slides were printed according
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Figure 34 Comparison of commercially available activated slides with the ones produced at SurModics
using PhotoLink technology. 3D-Link is the standard amine functional slide; SRDX-02 and SRDX-03 are
two slides produced with different chemistries. Other slides are arbitrarily numbered and grouped as NHS,
Epoxide, Aldehyde, and Amine, based on their reactivity. Poly-L-lysine is used as a control. Slides were
printed with several expression and control oligos and hybridized with biotinylated cRNA from human
liver for 16 h at 37⬚C with constant shaking at 300 rpm in Grace BioLabs chambers in 4X SSC, 0.1 %
SDS. Streptavidin Alexa Fluor-647 was coupled to the hybridized targets and images were scanned on an
Axon Scanner.

to the manufacturers’ recommendations for buffers and subsequent processing. The slides were
printed with several positive and hybridization controls as well as with oligos from known
human genes. Hybridization was done with biotinylated cRNA generated from human liver total
RNA at 37⬚C for 16 h at 300 rpm. The results showed a significantly high attachment efficiency
in slides produced at SurModics (data not shown). The hybridization signal in 3D-Link slides
was also significantly higher than any other products included in the study, even though the
spot size was very similar in all the products. Similar results have been reported in personal
communications.
Protein immobilization experiments with aldehyde and other slides resulted in high efficiency as well. Several sandwich ELISA assays were designed to understand the sensitivity,
reproducibility, and overall performance of activated slides with IL-1␣, IL-2, IL-4, TNF-␣,
and IFN-␥ proteins. Higher sensitivity for antibody–antigen coupling and low background was
detected when compared with other similar systems.
VIII. BIOMIMETIC SURFACE MODIFICATIONS FOR CELL GROWTH AND
TISSUE INTEGRATION
One approach to improving the performance of tissue culture products and implant devices
consists of modifying their surfaces with either extracellular matrix (ECM) proteins or ECM

Surface Modification of Biomaterials

135

peptides derived from these proteins. Surfaces modified with appropriate proteins or peptides
are less likely to be recognized as foreign than the original device surface and will promote the
attachment and overgrowth of specific desirable cell types. Previous attempts to enhance the
performance of biomedical products with adsorbed ECM proteins or peptides have produced
only marginal improvements. However, as is described below, when such proteins or peptides
were covalently immobilized at monolayer or greater levels (via photochemistry), the resultant
surfaces greatly improved cell attachment and growth in vitro and tissue integration in vivo.
Specific ECM proteins that were photoimmobilized onto surfaces and shown to improve the in
vitro and/or it in vivo performance of pecific devices include fibronectin (FN), laminin (LM),
type I collagen (COL I), and type IV collagen (COL IV). Also, 16 peptides derived from these
proteins have been evaluated with in vitro assays.
A. Methods for Reagent Synthesis and Photocoupling to Surfaces
Photoreactive ECM proteins or peptides were added to the substrates and photoactivated to
produce covalent coupling as described previously for other photoactivatable reagents. Adsorbed
controls were generated by adding nonphotoreactive ECM proteins or peptides to the same
materials under similar conditions (concentration, incubation time, etc.) and not activating with
light. To remove loosely adherent reagents, each surface-modified material was then washed
overnight with continuous agitation in four sequential solution changes of PBS which contained
1% Tween 20. The samples were then sterilized by soaking 30–60 min in 70% ethanol, and
residual Tween 20 and ethanol were removed by four sequential washes in PBS (15–20 min
each).
The proteins and peptides were radiolabeled with tritium and used to quantitate immobilized levels on each substrate. Tritium was added to each reagent by reductive methylation [97],
which consisted of reacting formaldehyde with a small portion of the primary amines on each
protein or peptide and then reducing the resultant Schiff base with 3H-sodium borohydride (5–20
Ci/mmol). Each peptide was synthesized with at least two lysine moieties to provide the necessary
primary amines, and the resultant radiolabeled proteins and peptides had specific activities of
2–8⳯104 dpm/g. This tritium-labeling procedure was chosen over iodination as the routine
labeling method because (1) tritium produces sufficient specific activity for the experiments
described below; (2) tritium has a longer decay half-life, which allows labeled reagents to be
stored and used for longer times; (3) tritium is less hazardous to use since it is both less energetic
and has a 12-fold shorter biological half-life; and (4) the tritiation procedure is less likely to
degrade the proteins or peptides.
Evidence supporting the latter concern is presented in Fig. 35, which describes a preliminary experiment in which an ECM peptide (F-9) was radiolabeled via both tritiation and iodination and then evaluated by reverse-phase HPLC. When the eluant was monitored for absorbance
at 215 nm (to detect peptide bonds), unlabeled F-9 and the products of each labeling method
produced a single major peak at 16–17 min. The tritium counts also eluted at the same time
(when adjusted for the lag time between the absorbance and tritium detectors) and as a single
peak of similar width to the absorbance at 215 nm, which is consistent with the tritiation method
labeling the peptide with no significant peptide degradation. In contrast, the 125I counts eluted
later and as a broad double peak, which is consistent with peptide degradation or preferential
labeling of minor components. Results from the experiments in Fig. 35 support the preference
for tritiation instead of iodination as a radiolabeling method. The major disadvantage of using
tritium to quantitate the immobilized levels of protein or peptide lies in the need to remove the
labeled reagent from the biomaterial surface and to disperse it uniformly in scintillation cocktail
to achieve accurate counting. Depending on the biomaterial substrate being evaluated, this is
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Figure 35 HPLC elution of an ECM peptide after being radiolabeled by either (a) tritiation or (b)
iodination. The tritiation followed the reductive methylation procedure described by Means and Feeney
[97]. The iodination used IODO-GEN姟 and procedures provided by the supplier (Pierce, Rockford, IL).
F-9 is a peptide derived from laminin [98], and the amino acid sequence used here was RYVVLPRPVCKK.
The HPLC procedure used a Vydac C18 reverse-phase column, eluted with 0.05% trifluoroacetic acid in
a linear water/acetonitrile gradient that started with 95% water/5% acetonitrile and ended with 40% water/
60% acetonitrile at 28 min. Absorbance at 215 nm was monitored with a Perkin-Elmer model LC 85-B
variable wavelength detector. Tritium was monitored with a flow-through radioactivity detector (-RAM
MOdel 1B) from IN/US Systems, Inc. (Tampa, FL). 125I was monitored by collecting aliquots at 0.5-min
intervals and counting in a liquid scintillation analyzer (Packard Tri-Carb威 model 1900 CA).
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achieved by either dissolving the underlying substrate (if it is readily dissolved in common
organic solvents) or else hydrolyzing the protein or peptide (e.g., with 6 N HCl at 75⬚C for 18
h). For each of the materials discussed below, the proteins or peptides were photoimmobilized
at monolayer or greater levels (ⱖ100 ng/cm2 for the peptides and ⱖ500 ng/cm2 for the proteins).
B. ECM Proteins and Peptides Immobilized on Polystyrene Cell Culture
Plates
For this series of experiments, proteins and peptides were photoimmobilized onto previously
unmodified 24-well polystyrene (PS) plates and evaluated with each of four cell lines: CPAE
endothelial cells, NRK-49F fibroblasts, PA-1 or MDBK epithelial-like cells, and MG-63 osteoblasts. As controls, cell attachment and proliferation were also evaluated on unmodified PS,
standard tissue culture polystyrene plates (TC-PS), and PS modified with photoimmobilized
COL IV. The biological activity of each immobilized protein or peptide was evaluated for cell
attachment (at 2 h) and cell proliferation (through ⱖ6 days). At the end of each experiment,
relative cell numbers on each surface were quantitated with a tetrazolium metabolic dye (MTT)
[99].
With each cell line, photoimmobilized COL IV promoted cell attachment, spreading, and
proliferation that was equal or superior to that observed with the other photoimmobilized ECM
proteins or peptides. Also, no peptides were identified that promoted uniquely superior attachment, spreading, or proliferation of any one cell type. Instead, eight of the most active peptides
promoted similar attachment, spreading, and proliferation of each cell type. When compared to
unmodified PS, PS coated with these peptides promoted 5- to 20-fold greater attachment and
proliferation of each cell type, and when compared to TC-PS the same peptides coated onto PS
promoted two- to four-fold greater attachment. However, when proliferation on TC-PS was
compared to that on peptide-coated PS, high passage cells grew equally well on both surfaces.
In contrast, low passage human umbilical vein endothelial cells (HUVECs) showed threefold
greater cell numbers at 8 days when cultured on COL IV or a peptide derived from COL IV
as compared to TC-PS (Fig. 36). A similar trend was observed with low passage bovine cornea
epithelial cells, where 30–60% greater cell numbers were observed at 8 days on COL IV and
several ECM peptides as compared to TC-PS. These results indicate that low passage cells
respond more favorably to protein or peptide-modified surfaces than do established cell lines.
With a single exception, no peptide showed greater than threefold selectivity for one cell
type over another. However, when RGD peptide was immobilized on PS via a short (7-atom)
spacer, it promoted attachment and proliferation of nonepithelial cells (CPAE and NRK-49F),
but not of epithelial cells (PA-1 and MDBK). However, with longer spacers, RGD promoted
attachment and proliferation of both epithelial and nonepithelial cell lines. Typical cell attachment results are shown in Fig. 37. Cell proliferation assays showed similar results. Such selection
against epithelial cells should be useful for percutaneous implant devices where inhibition of
epithelial cell marsupialization (downgrowth along device surfaces) is desirable.
C. ECM Proteins Immobilized on Implant Devices
Extracellular matrix proteins were photoimmobilized at monolayer or greater levels onto implant
devices and improved cell attachment and proliferation in vitro and tissue integration and device
performance in vivo.
For one application, bovine skin collagen (95% COL I plus 5% COL IV) was photoimmobilized onto the surface of a PMMA intracorneal lens and implanted into rabbits for up to 15
months [102]. The unmodified lenses showed considerable stromal inflammation and corneal
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Figure 36 Growth of human umbilical vein endothelial cells on polystyrene 24-well plates. Tissue culture
PS ⳱ standard cell culture PS. The remaining surfaces were unmodified PS or PS-coated with photoderivatized protein (COL IV) or a photoderivatized COL IV peptide (HEP III). The amino acid sequence of the
HEP III was CKGEFYFDLRLKGDK [100]. The plates were seeded with 1500 cells per well, cultured
for 8 days, and relative cell numbers were quantitated with a tetrazolium metabolic dye (MTT). Each bar
is the average of four determinations.

Figure 37 Cell attachment to RGD peptide. RGD (7-A) and (18-A) ⳱ RGD photoimmobilized via 7and 18-atom spacers, respectively. RGD is a peptide derived from fibronectin [101], and the amino acid
sequence used here was GRGDSPKKC. The plates were seeded with 50,000 cells per well (of 48-well
plates), incubated for 2 h, and relative cell numbers were quantitated with MTT. Each bar is the average
of four determinations.
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necrosis by 2 months. In contrast, the collagen-modified lenses showed decreased inflammation,
strong bonding of stromal tissue to the device, and retention of normal corneal morphology and
clarity at all time points from 1 through 15 months. These lenses have been implanted into two
patients who could not be treated by other methods and who had each been blind for more than
5 years. Their respective visions at 7 and 12 months were 20/50 to 20/100.
For a second application, ECM proteins were immobilized onto two types of vascular
graft materials: PU and expanded polytetrafluoroethylene (ePTFE). Figure 38 shows that in vitro
endothelial cell growth was 10- to 20-fold greater on photoimmobilized FN than on adsorbed
FN or unmodified ePTFE. Similar in vitro results were observed with photoimmobilized COL
IV and a combination of FN plus COL IV. Then unmodified and protein modified grafts were
implanted intrafemorally into dogs for 30 days, after which the patent grafts were retrieved and
evaluated by SEM for the percentage of the luminal surface of each graft that was covered with
endothelial cells [103]. As is shown in Table 3, similar trends were observed with both types
of graft materials. Patency rates (i.e., the fraction of grafts retaining unblocked blood flow)
averaged 33% for unmodified controls (one of four PU grafts plus three of eight ePTFE grafts)
versus 83% for grafts modified with a combination of FN Ⳮ COL IV (three of four PU grafts
plus seven of eight ePTFE grafts). Luminal coverage by endothelial cells averaged 31% for
unmodified controls and 86% for protein modified grafts. It is important to note that when FN
and COL IV were immobilized individually, the patency and/or endothelialization was less than
that observed when both proteins were immobilized, therefore indicating that each protein is
providing a critical activity.
In a third application, ECM proteins were photocoupled to 100-mL model SR breast
prostheses that were filled with saline and implanted subcutaneously in pigs for 4 months. The
prostheses were explanted and evaluated histologically for thickness of fibrous capsule adjacent
to the surface (data not shown). As compared to unmodified controls, implants with photoimmobilized COL IV produced a 48% thinner fibrous capsule. For each implant variation, the average
capsule thickness, standard error of the mean, and number of replicates were as follows: unmodi-

Figure 38 Growth of calf pulmonary artery endothelial (CPAE) cells on ePTFE. Coated and uncoated
ePTFE disks were placed in 24-well plates, seeded with 1500 CPAE cells per disk, and cultured for 7
days. Relative cell numbers were quantitated with MTT. Each bar is the average of four determinations.
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Table 3 Patency and Luminal Coverage of Endothelial Cells on Unsodded 4-mm Grafts Implanted
30 Days in Dogs
Polyurethane
Surface
modification
Unmodified
Type IV collagen
Fibronectin
Fibronectin plus type
IV collegen

ePTFE

No.
implanted a

No. patent
grafts

Average
L.C.b

No.
implanteda

No. patent
grafts

Average
L.C.b

4
4
4
4

1
1
1
3

25
100
100
82c ⫾ 18

8
4
⫺
8

3
2
⫺
7

33 ⫾ 15
54 ⫾ 6
⫺
88c ⫾ 6

No. implanted ⫽ number of grafts implanted.
L.C. ⫽ luminal coverage; the percentage of the luminal surface of patent grafts that was covered with endothelial cells
(as evaluated by scanning electron microscopy). Averages ⫾ standard error of the means are shown.
c
As compared to uncoated controls, grafts modified with fibronectin plus type IV collagen produced statistically significant improvements in both patency (p ⫽ 0.01) and endothelial cell coverage (p⬍0.001). Two-tailed t-tests; data from
PU and ePTFE grafts were pooled for each comparison.
a

b

fied control, 1.06 Ⳳ0.13 mm (n ⳱ 7); COL IV surface modification, 0.55 Ⳳ 0.07 mm (n ⳱
7); and FN Ⳮ COL IV surface modification, 1.30 Ⳳ 0.27 mm (n ⳱ 8). Interestingly, the FN
Ⳮ COL IV surface modification that performed best for vascular grafts produced the thickest
fibrous capsule when coupled onto breast implants.
Finally, a preclinical study evaluating the effects of a COL I coating on the in vivo
performance of endovascular stent grafts was performed (S. Williams et al., unpublished results).
Endovascular stenting is an emerging technology that is being evaluated for the treatment of
aneurysms and arterial occlusive disease. The use of stent grafts to accomplish aneurysmal
exclusion provides many potential benefits and improvements to the current treatments. Unfortunately, blood seepage (i.e., endoleaks) at the site of the graft attachment, through the implant
material, and through the backflow of lumbar branches can all contribute to the possible rupture
of the aneurysm sac.
Type I Collagen was photocoupled to Dacron-covered endoluminal stent grafts and the
grafts, along with uncoated controls, were implanted in the femoral arteries of dogs. The arteries
were catheterized and the endovascular grafts were inserted and advanced to a position below
the renal arteries. Pre- and postangiograms were performed to observe collateral flow through
any of the branches adjacent to the implant. At 12 weeks, the dogs were anesthetized and the
grafts exposed. An explant angiogram was performed, and the prostheses were removed and
prepared for histological examination.
Angiographic analysis following implantation revealed the absence of collateral blood
flow around the collagen-coated grafts when compared to uncoated controls. All grafts remained
patent, indicating that the collagen coating did not contribute to the occlusion of the graft lumens.
Histological examination showed a well-formed neointimal lining with an endothelial
monolayer spanning the entire length of all the grafts. Cells in the subendothelial layer reacted
with antibodies specific for alpha-smooth muscle cell actin. The results of this study demonstrate
that a PhotoLink collagen coating may help prevent endoleak formation in endovascular implants
and that such coatings do not interfere with the normal healing response.
D. Summary
These in vitro and in vivo results demonstrate that photochemistry is a gentle process that
immobilized fragile biomolecules onto several biomedical device polymers with retention of
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critical activities. The resultant modified surfaces greatly improved the culture of low passage
cells in vitro and implant device performance in vivo. As one would expect, the studies discussed
previously demonstrate that different ECM proteins or peptides are required for different device
applications.

IX. THREE-DIMENSIONAL MATRICES FOR TISSUE ENGINEERING
APPLICATIONS
The use of synthetic polymers to improve the biocompatibility of implantable medical devices
has become a well-established method in the industry. For interventional applications requiring
the use of a device, the development of effective surface modification technology has accelerated
the growth and expanded the use and the number of applications that can be addressed through
the use of these devices.
There remain, however, a number of therapeutic applications in which the use of a device
is either not possible or less beneficial than other approaches. Several of these applications fall
within the scope of the discipline that is currently known as tissue engineering. Tissue engineering is commonly defined as the combination of synthetic materials with tissue or cellular materials which is implanted to treat an injury or disease state. An expanded definition of tissue
engineering includes the implantation of a wholly synthetic construct, which may contain bioactive compounds, for the purposes of inducing a tissue response to repair an injury or treat a
disease. Typically, these constructs are preformed porous matrices into which cells of interest
are seeded and the matrix plus cells implanted. While these constructs are potentially useful for
the treatment of many conditions, it is often the case that this method is not ideal. The preformed
matrices do not necessarily fit into the implantation site; they do not conform intimately to the
tissue at the implantation site; and their implantation is not amenable to minimally invasive
techniques.
A potentially superior methodology involves the in situ formation of the matrix construct
directly at the tissue site of interest. One way to accomplish such a construct formation is to
begin with matrix precursor reagents which can be applied to the tissue site as a liquid and
subsequently solidified, rapidly and on command, to effect matrix formation directly at the site
of interest. The use of PhotoLink technology allows the preparation of matrix precursor reagents
which can be applied to a tissue defect, wound site, aneurysm, or any anatomical or ex vivo site
in liquid form, and subsequently solidified into a matrix possessing the necessary morphological
properties, by a brief exposure to visible light. These matrix precursor reagents can be prepared
from synthetic biocompatible polymers or from naturally occurring biopolymers.
A. Reagents
Reagents useful for matrix-forming tissue-contacting applications can be prepared from a variety
of starting materials. The use of PhotoLink technology to effect matrix formation permits a
large degree of flexibility in the design of the reagent system.
Polymeric matrices can be prepared using a variety of techniques and starting materials.
Polymers can be prepared containing crosslinkable groups that will form matrices when exposed
to the appropriate reagents. Polymer networks can be prepared by exposing the correct mixture
of monomers to the appropriate polymerization initiating conditions. When forming polymeric
matrices in situ, in the presence of living tissue, many of these techniques and materials suffer
from severe drawbacks. Biocompatibility and cytotoxicity concerns significantly limit the number of matrix-forming approaches appropriate for these applications.
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One approach that avoids these problems incorporates the use of preformed polymeric
reagents, or macromers, which are capable of additional polymerization reactions. These macromers are generally polymers to which additional polymerizable groups have been incorporated. Polymerizable groups are those which can undergo initiation and partake in free radical
polymerization reactions. These groups generally possess unsaturated bonds and are exemplified
by groups such as vinyls and acrylates. When exposed to the proper initiating conditions, macromers of this type rapidly form matrices. Since all free radicals are associated with a polymer,
these matrices can be formed in the presence of living tissue or cells with little or no toxicity.
Macromers can be prepared by synthesizing copolymers containing reactive monomers to which
polymerizable groups can be subsequently added. Alternatively, macromers can be prepared
from naturally occurring biopolymers by the incorporation of polymerizable groups into these
compounds. In this way biopolymers such as hyaluronic acid and collagen, which possess inherent desirable bioactivity, can be derivatized and formed into matrices.
The other necessary component of this matrix-forming technology is the initiating system.
This technology distinguishes itself by the use of polymeric initiating systems. These are systems
in which the chemical groups responsible for the formation of available free radicals are polymer
bound. By incorporating the initiating groups into polymeric reagents several advantages can
be realized. Polymeric initiators are more efficient than their low molecular weight analogs, and
the use of polymer-bound initiators insures that all free radicals are associated with polymers.
These features both speed matrix formation and reduce toxicity, making them ideal for matrixforming applications where living tissue or cells are present.
Initiator groups useful in the presently described systems include those that can be used
to initiate polymerization of the macromer system by free radical generation to a desired extent
within a desired time frame. For many applications it is desirable that these initiator groups be
photosensitive (i.e., groups which capture light energy and produce free radicals), but it is
sometimes desirable that these initiator groups be thermosensitive and produce free radicals in
response to the input of thermal energy.
B. Applications
1. Cellular Encapsulation
The American Diabetes Association estimates that diabetes mellitus is the seventh leading cause
of death in the United States. Despite many years of research, the effectiveness of current
therapeutic approaches has remained unsatisfactory due to the difficulties of duplicating the
glycemic control provided by a healthy pancreas.
Pancreatic transplantation has been studied as a method of achieving normoglycemia in
diabetic patients without the need for exogenous insulin. There are many problems associated
with whole or segmental pancreatic transplantation, however, including the limited availability
of donor organs and the requirement for generalized immunosupression.
Since each pancreatic islet cell is an autonomous unit, the concept of cellular transplantation has been explored as an alternative to segmental pancreatic or organ grafts. The recent
successes of investigations following the Edmonton Protocol [104] have magnified interest in
the feasibility of islet transplantation as a treatment for diabetes. The requirement for lifelong
immunosuppressive drug therapy is responsible for dampening the enthusiasm for this approach.
It is possible, however, that alternative immunomodulation of the graft or the host can be
utilized to prevent the rejection of islet allografts or xenografts. Encapsulation of islets in a
semipermeable membrane is one type of immunomodulation that can prevent rejection. Many
materials have been evaluated for the preparation of immunoprotective membranes around pancreatic islets, but the stringent permeability, morphology, and biocompatibility requirements of
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these membranes make their development very difficult. Some of the issues that hamper this
development include (1) lack of permeability control, (2) lack of biocompatibility, (3) lack of
the appropriate morphological characteristics, and (4) large increases in graft volume, which
leads to limitations to graft location.
One way of forming immunprotective membranes around pancreatic islets that overcomes
the obstacles that result from these issues is to directly form matrix membranes on the surfaces
of the islets via interfacial polymerization of biocompatible macromers. The first step to effect
such an encapsulation is to incubate isolated islets in a solution of polymeric initiator. For
this application, a polymeric initiator is especially appealing. It not only provides the benefits
enumerated above, it also allows the incorporation of affinity groups into the reagent. These
groups have affinity for the islet surface and thus provide a means of concentrating the initiator
at the islet surface.
A polymer that contains both pendent eosin groups and pendent positively charged groups
is ideal as the photoinitiator. Eosin is an efficient photoinitiator with an absorption maximum
at 517 nm and positively charged groups that possess affinity for binding to the islet surface.
A solution of the photoinitiator is applied to a preparation of isolated pancreatic islets. After a
brief incubation, the unbound initiator is washed away. The islets with bound initiator are
suspended in a macromer solution and illuminated with an argon ion laser. The laser has a line
of strong intensity at 520 nm. The polymer-bound eosin groups on the islet surface produce
free radicals that initiate a free radical chain reaction causing the polymerization of the macromer.
By carefully controlling the macromer concentration, molecular weight, and polymerizable group
content, as well as the illumination time and intensity, it is possible to form thin, semipermeable
matrices around each islet.
Macromers that are useful for cellular encapsulation can be prepared from many different
polymeric materials. Polysaccharides, such as hyaluronic acid can be used, but in most instances
synthetic, hydrophilic polymers have been evaluated. The use of synthetic polymers permits
absolute control over the molecular weight and the polymerizable group content of the macromers. A variety of synthetic polymers has been evaluated for their utility as cell-encapsulating
macromers, but poly(ethylene glycol) (PEG) polyacrylates have received the most attention.
The biocompatibility of PEG has been thoroughly evaluated, and it can be synthesized in virtually
any molecular weight.
A number of studies have evaluated islets encapsulated in interfacially photopolymerized
PEG diacrylate matrices [60,105,106]. The results from these studies show both in vitro and in
vivo function of PEG-encapsulated islets and the ability of PEG matrices to prevent immune
rejection in allograft and xenograft models.
2. Tissue Repair
Since macromers can be prepared from bioactive polymers, and solutions of these macromers
can be applied to the sites of tissue defects and subsequently solidified into durable, bioresorbable
matrices by the application of visible light, their use in tissue repair applications is logical. There
are many tissue repair applications amenable to therapeutic intervention involving in situ matrix
formation. The following are examples.
Chronic Cutaneous Wound Repair. Chronic cutaneous wounds are skin wounds that
either will not heal or are very slow to heal as a result of an underlying disease state or other
physiologic insufficiency. The three major types of chronic cutaneous wounds are decubitus
ulcers, diabetic ulcers, and venous stasis ulcers. As the median age of the American population
increases, the incidence of all three types of chronic skin ulcers increase as well.
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There are several approaches currently being investigated for the treatment of chronic
cutaneous wounds. These approaches range from traditional wound dressings to gene therapy
approaches to total artificial skin. An approach that utilizes in situ formation of a bioactive
matrix directly in the wound bed offers many potential advantages. The dressing material is
applied to the wound bed as a liquid that conforms completely and intimately to the wound
surface. The solution is subsequently solidified by a brief illumination. The resulting ‘‘bandage’’
is composed of bioactive materials that are in intimate contact with the wound. The bioactivity
of the matrix material is maximized, and bacteria are prevented from infiltrating into the wound.
In addition, bioactive compounds can be added to the dressing formulation and slowly released
into the wound.
Wound healing formulations have been prepared from collagen, hyaluronic acid, and synthetic macromer solutions and evaluated in both partial and full thickness cutaneous wounds
using a pig model. Results from these evaluations show no increased inflammatory or other
host response of any formulation over controls covered with standard occlusive dressings. Some
formulations showed enhanced reepithelization over controls receiving standard occlusive dressings.
Cartilage repair. Cartilage is a unique tissue, strong and durable, but once damaged is
unable to heal itself. This is particularly true for articular, or hyaline, cartilage, the material that
lines the articulating joints. Defects caused by overuse or trauma, common in athletes and other
physically active people, will not heal. Until recently, the only treatment for this condition was
joint replacement. Currently, there are some therapies being evaluated that show great promise.
Filling the defect with autologous chondrocytes (cartilage cells), matrices containing gene
therapy agents, growth factors, bone morphogenetic proteins (BMPs), or combinations of these
materials are some of the approaches being evaluated. One of the issues unique to hyaline
cartilage repair is the tendency of the repaired tissue to form fibrocartilage instead of hyaline
cartilage. Fibrocartilage is not as durable as hyaline cartilage and eventually deteriorates, forming
a new defect. One way to direct the formation of hyaline cartilage instead of fibrocartilage is
to deliver the bioactive substance to the defect in a hyaluronic acid matrix. A hyaluronic acid–rich
environment favors the formation of hyaline cartilage.
Cells, growth factors, and other bioactive substances can be added to a solution of hyaluronic acid macromer, applied to the defect as a viscous liquid and solidified by a brief illumination
thereby fixing the matrix in place. The matrix is resorbed as new hyaline cartilage is formed.
3. Prevention of Adhesions
The formation of postsurgical adhesions is a common cause of surgical complications. Adhesions
formed after abdominal surgeries are the leading cause of bowel obstruction in the United States.
Likewise, the leading cause of infertility in women is the formation of adhesions following
pelvic surgery. In addition, the formation of adhesions is a cause of complication in many types
of surgeries including spinal and cardiovascular.
For many years, the use of barriers and adjuvants has been evaluated. These materials
essentially prevent tissues from interacting until the tissue healing response is complete, and
then, ideally, they go away. In general, the film barriers are efficacious but they are difficult to
use. The liquid or gel adjuvants are easy to use but suffer from efficacy issues. In both instances,
the use of modified hyaluronic acid as the adhesion-preventing material has received the most
notable attention.
Using a solution of hyaluronic acid macromer, it is possible to apply the solution to the
affected area as you would a liquid or gel adjuvant, and subsequently solidify the material via
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a brief illumination to form a matrix with residence times similar to the film products. It is
thereby possible to have the best of both worlds, ease of use and efficacy.
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I. INTRODUCTION
The first absorbable sutures were developed in the 1960s [1,2]. These materials were made from
synthetic polymers that fulfilled their function within the body and then were absorbed. With
this advance, removal of sutures from a patient once the wound healed became unnecessary.
Investigators have developed absorbable polymers similar to those used as sutures for the
fixation of bone defects or fractures. In many cases, for a fractured bone to heal correctly, a
patient will usually require implantation of hardware such as pins, rods, screws, or plates or
injection of cements [2–5]. Many of the commercially used materials for these applications are
nonabsorbable polymers, metals, and ceramics, which often have serious side effects such as
inflammation [6,7] or irritation [7]. These side effects sometimes necessitate removal of the
implant. Nonabsorbable implants also prevent the bone form growing into the space where the
implant is. This can lead to weakened bones and often to refracture [1,3–5]. Implants fabricated
from absorbable polymers have many advantages over their nonabsorbable counterparts [1].
They eliminate the need for second surgery to remove the implant after it has served its function.
They allow bones to grow into the polymer matrix so that as the polymer absorbs, the bone
maintains better integrity and can begin load bearing earlier. Also, absorbable implants may
contain bioactive molecules that enhance bone growth and accelerate fracture healing [8,9]. The
distinct advantages of absorbable polymer implants have led to considerable interest and research
in this area.
The usefulness of an absorbable polymer for bone repair applications depends on its ability
to fulfill the following criteria [1]: (1) the absorption rate of the polymer must match the rate
at which the bone grows into the polymer; (2) the polymer should facilitate bone growth or at
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least not inhibit it; (3) the polymer and its degradation products must be biocompatible to prevent
adverse reaction; and (4) the mechanical properties of the polymer must fit the application and
remain until the final stages of degradation.

II. POLYMER DEGRADATION
A key consideration in the design and evaluation of an absorbable polymer is its degradation
mechanism (Fig. 1) [1,10]. Bulk degradation is the mechanism invoked for most traditional
absorbable polyesters. It is characterized by water entering the polymer bulk where hydrolysis
causes degradation. The degradation products are usually carboxylic acids, which decrease the
pH of the bulk polymer. This leads to autocatalysis and further drop in pH. As the polymer is
hollowed out it will finally break apart releasing the acid groups that had been confined to the
interior. This is called acid bursting and can result in inflammation and a decrease in mechanical
properties in earlier stages of degradation. On the other hand, surface erosion (Fig. 1) results
in the thinning of the device over time while retaining integrity of the bulk polymer [1,10].
Surface-erosion usually occurs in cases where the polymer is significantly hydrophobic, a property that keeps water from entering the bulk. Surface-eroding polymers are also less likely to
result in inflammation due to acid burst because the degradation products are washed away from
the surface at a constant rate.
A. Polyesters
Polylactide (PLA) is an absorbable polyester used clinically in medical devices such as sutures
and some orthopedic implants [1]. Copolymerization of lactide with other hydrophilic monomers
is a way to tune the properties of the resulting polyester [1,8]. PLA is formed by ring opening
polymerization with a metal catalyst such as aluminum isopropoxide (Fig. 2) [11]. Absorbable
polyesters such as 1 (see figure) have some distinct advantages over nonabsorbable materials.
For example, polymer 1 is used commercially as orthopedic pins and screws. PLA also has
sufficient mechanical strength for in vivo uses. In addition, polymer 1 and poly(lactide-coglycolide) support sufficient cell growth to be used commercially. Polyesters such as 1 also have

Figure 1 Schematic of polymer degradation mechanisms.
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Figure 2 Synthesis of poly(lactide).

a major disadvantage [7]. Most of these hydrophilic polyesters degrade by a bulk degradation
mechanism [15,16].
A. Tyrosine-Derived Polycarbonates
Recognizing the problems associated with the bulk erosion polyesters, current efforts are focused
on polymers that degrade by surface erosion [1,10]. For example, Kohn and coworkers have
synthesized tyrosine-derived polymers with carbonate linkages in the polymer backbone (Fig.
3) [5,17,18]. Polymer 2 has three groups per repeating unit that can potentially be hydrolyzed:
amide, ester, and carbonate. Studies have shown [17] that the carbonate group hydrolyzes at a
faster rate than the ester group, and the amide bond is not labile in vitro. The products of
hydrolysis of the carbonate groups are two alcohols and carbon dioxide. Thus significant degradation is achieved without a corresponding decrease in pH. This alleviates the problem of acid
bursting [5] seen in polyesters. The pendant ester group on the chain accomplishes two objectives:
1. In the later stages of degradation, the ester bonds are hydrolyzed into acids. Hydrophilic acid groups provide the necessary solubility for the degradation products to be
eliminated from the implant area.
2. The pendant ester moiety also contains a hydrophobic R group that leads to a surface
erosion mechanism.
With degradation times as long as 900 days, no significant water uptake was measured indicating
the polymer’s hydrophobicity and its strong resistance to water entering the bulk polymer.
Polymer 2 has been reported to have sufficient mechanical properties for small bone fixation
applications [5,18] and has been shown to be biocompatible in vivo [5]. In one study, polymer
2 was implanted into canine specimens where it promoted significant bone ingrowth [5].

Figure 3 Synthesis of tyrosine-derived polycarbonates.
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Figure 4 Synthesis of self-catalytic poly(ortho esters).

B. Poly(Ortho Esters)
Poly(ortho esters) (POEs) also have been identified as absorbable polymers for orthopedic applications. Heller and coworkers have synthesized a specific family of POEs (Fig. 4) [19]. Polymer
3 degrades by surface erosion. With the addition of lactide and/or glycolide segments to polymer
3 tunable degradation times ranging from 15 to hundreds of days can be achieved [19]. Most
previous POEs that have been synthesized contained acidic additives that were used to aid in
degradation. This was necessary because POEs degrade at slightly acidic pH, whereas the body
is slightly basic. Such additives could lead to toxicity concerns. This family of polymers, however, is self-catalyzing, and it can degrade easily without the presence of acidic additives. This
is due to the lactic acid and/or glycolic acid segments in the chain that produce carboxylic acids
upon hydrolysis catalyzing the hydrolysis of the ortho ester groups. Preliminary results of electron paramagnetic resonance studies using pH-sensitive nitroxide radicals indicate that the internal pH of this polymer is about 6.4 and the pH of the eroding front is about 5.4 [20]. This
will be extremely useful for delivery of acid-sensitive osteoinductive agents for repair and/or
regeneration applications that cannot be delivered with polyesters. Polymer 3 has also been
shown to increase bone ingrowth in comparison with poly(DL-lactide-co-glycolide), thus suggesting improved biocompatibility [15].

Figure 5 Synthesis of polyanhydrides.
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C. Polyanhydrides
Langer and coworkers have synthesized polyanhydrides for drug delivery applications (Fig. 5)
[21,22]. Since polymer 4 has been approved by the FDA, it is the basis of design for some of
the polyanhydrides in the following sections. Polymer 4 is used to deliver carmustine, an anticancer drug, to sites in the brain where a tumor has been removed. The polymer is processed into
wafers and then placed in the brain cavity during surgery. The polymer and its degradation
products are nontoxic and have a controlled surface erosion degradation mechanism that allows
them to deliver drugs at a known rate. Polyanhydride 4 has many characteristics that would
make it suitable for orthopedic repair; however, it does not have the necessary mechanical
properties. This has led Langer and coworkers to synthesize modified polyanhydrides with
enhanced mechanical properties and surface erosion degradation.
D. Poly(Anhydride-co-Imides)
Polyimides are polymers that are well known for their high thermal and mechanical properties.
Langer and coworkers have combined the strength of polyimides and degradation characteristics
of polyanhydrides to obtain suitable materials for orthopedic repair. Poly(anhydride-co-imides)
derived from amino acids such as 5 (Fig. 6) [23] have been synthesized for this purpose. By
varying the R group in the polymer, controlled degradation times can be achieved [24], ranging
from 1 to 63 days. It has been reported that the polymer degrades via a surface erosion mechanism
[16,25]. This particular poly(anhydride-co-imide) has been shown to be biocompatible in vitro
[16] for bone repair and drug delivery applications. Increased compression strength of this
polymer compared to polyanhydrides not containing imide linkage is sufficient to warrant further
research of this material for orthopedic repair.

Figure 6 Synthesis of poly(anhydride-co-imides).
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Figure 7 Molecular structure of polymethylmathacrylate.

III. BONE CEMENT
Bone cement is presently made mostly of the nondegradable polymer polymethylmethacrylate
(PMMA) (Fig. 7) [26]. Surgeons internally cement fractures and total joint prostheses with
PMMA by an in situ polymerization reaction. PMMA has several advantages. Injection of the
monomer mixture and photopolymerization allows for a less invasive surgical technique. The
mechanical properties of PMMA are sufficient to bear the stress of in vivo loads. There are also
some clear disadvantages [26]. For example, it is difficult to control the temperature rise associated with exothermic polymerization. Temperatures at the bone–cement interface often reach
up to 90⬚C causing cell necrosis [26]. In addition, PMMA cement often causes reduced blood
flow irritation [6].

A. Poly(Propylene-Furmarate) Networks
To overcome the disadvantages of PMMA, researchers are developing polymers that can be
polymerized in situ during surgery. Mikos and coworkers have synthesized degradable poly(propylene-fumarate) networks for bone cement applications (Fig. 8) [27]. In general, network polymers exhibit greater mechanical strength than their linear counterparts. Network 8 is formed by
initiation with benzoyl peroxide. The polymer is mechanically weaker than PMMA [27,28].
However, by creating networks with higher crosslinking densities, higher strengths may be
achieved. Also, the degradation products of this polymer 8 are nontoxic [27]. In addition, the
polymer has been shown to deliver bone growth–enhancing bioactive drugs to the fracture site
upon degradation [29].

B. Polyanhydride Networks
Anseth and coworkers have reported polyanhydride networks that are formed by photoinitiation
and are hydrolytically degraded (Fig. 9) [26]. Polymer 11 is based on the scheme in Fig. 4 [26].
The polymer degrades by a surface erosion mechanism [26]. Photoinitiation can also take place
through tissue for an even less invasive surgical technique. By using a mixture of monomers,
9 and 10, controlled degradation times can be achieved ranging from 3 to 500 days [26]. Also,
by using a CQ/TEA initiating system, Anseth has achieved network thickness of approximately
3 cm. Histological studies have also shown that the monomers, 9 and 10, and polymer network
11 are biocompatible [26]. By shuttering the light source used to polymerize, temperature at
the bone–polymer interface has been controlled to 42⬚C. Finally, these networks have been
shown to form on acceptable time scales, from 500 to 1500 s, depending on the intensity of the
light used to initiate polymerization.
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Figure 8 Synthesis of poly(propylene-fumarate) networks.

IV. CONCLUSIONS
Linear and crosslinked networks, absorbable polymers, and copolymers have been studied for
possible use in absorbable orthopedic hardware and cements. These materials have many advantages over current nondegrading technologies, including their ability to degrade at a controlled
rate by a surface erosion mechanism. This allows researchers the opportunity to synthesize

Figure 9 Synthesis of polyanhydride networks.
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polymers with a degradation rate similar to that of bone growth. These polymers also appear
to be biocompatible, and some even support bone growth. Finally, most of these polymers are
shown to possess appropriate mechanical properties for orthopedic applications and, due to their
surface erosion mechanism, maintain these properties through the initial stages of degradation
until the bone is ready to accept additional mechanical load.
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I. INTRODUCTION
Bone grafting procedures are used for a variety of purposes ranging from spinal fusion to
reconstructive surgery. Spinal fusion is the most common bone grafting procedure conducted
in the United States, comprising some 50% of the estimated half-million bone grafting procedures
performed annually [1]. It is estimated that worldwide over two million bone grafting procedures
are performed annually [2]. As the demand for these procedures continues to increase, it will
place a strain on the limited supply of graft material.
Successful bone regeneration requires several critical elements including osteoinduction
and osteoconduction. Osteoinduction involves the use of growth factors and proteins to cause
osteoprogenitor cells to differentiate and stimulate new bone growth. The process of osteoconduction involves the scaffold that provides the necessary support on which new bone can grow
to fill the defect area. As new bone continues to grow to fill the defect area, the process of
resorption and remodeling occurs.
The development of synthetic materials that can extend the limited supply of natural bone
grafts while providing these critical elements has been the focus of much research. One synthetic
material that shows promise in this regard is a porous formulation based on the biopolymer
poly(propylene glycol-co-fumaric acid) (PPF). This polymer can be crosslinked in the presence
of effervescent agents and osteoconductive filler to create a scaffold that mimics the physical
and chemical properties of human cancellous bone. A combination of this formulation and an
osteoinductive material, such as morselized cancellous autograft, venous blood, or bone marrow,
comprises a material with improved handling characteristics and the potential for improved
clinical results relative to other composite materials. This paper reviews a series of in vitro and
in vivo studies on the use of a PPF-based material as a bone graft extender for use in clinically
relevant repair scenarios.
159

160

Doherty et al.

II. AUTOGRAFT BONE
Iliac crest autograft is the gold standard for bone graft material. Autograft bone provides the
critical elements required for bone growth. It is histocompatible, i.e., as it is a native material
there is no risk of disease transfer and it is not rejected by the body [3]. The material is also
able to maintain the strength and structural integrity of the defect area.
Despite these advantages, the material suffers from several disadvantages. The primary
disadvantage is the need for a secondary surgical site. Autografts are predominantly removed
from the iliac crest of the patient. The procedure of harvesting material from the iliac crest has
been shown to cause complications in 4–49% of patients [4]. These complications can range
from increased pain—observed in 25% of patients [5]—to infection, sensory loss, and neurological and vascular injury [6]. Further complications include increased anesthesia time and operative
blood loss as well as prolonged recovery time [3]. In addition to the procedural complications,
the supply of bone available for harvest is limited. These complications, along with the risk of
donor site morbidity and the limited supply of material available for harvest, have pushed the
search for alternative materials.
III. ALLOGRAFT BONE
Allograft bone is the substitute most often used for autograft bone. It is typically available fresh,
frozen, or freeze-dried. This material undergoes extensive processing and donor screening in
an effort to reduce the risk of disease transmission. This processing decreases but does not
eliminate the risk of disease transmission. In addition, the processing decreases the mechanical
and biological properties of the bone, while adding to the cost of the material [2]. In summary,
although a viable alternative to autograft bone, allograft bone suffers from concerns of possible
disease transmission, recipient rejection, increased cost, and limited availability.
IV. SUBSTITUE BONE GRAFT MATERIALS
The problems associated with autograft and allograft materials described above, not the least
of which is the increasing demand for a limited supply, have acted to fuel the development of
substitute materials. Substitute materials have primarily been developed as a replacement for
graft materials and currently are used in approximately 10% of the bone graft procedures performed worldwide [7]. Calcium salt ceramics and glasses, such as calcium phosphates and
hydroxyapatites, are widely used synthetics. Demineralized bone and collagen-based materials
have also been used as substitute bone graft materials.
Calcium phosphate materials such as tricalcium phosphate (TCP) and hydroxyapatite (HA)
are among the most common synthetics. These materials have been successfully applied in
orthopedic and dental applications for decades [2]. Calcium salt materials have compositions
similar to that of native bone and provide osteoconductive surfaces on which new bone can form.
Although somewhat similar in composition, the materials elicit different biological responses [2].
The TCP material is readily resorbed, whereas the HA is a more or less permanent material,
taking several years to be removed and replaced by native bone. TCP typically is more porous
than HA, helping it to be resorbed more rapidly. Most TCP and HA materials are able to provide
a highly osteoconductive structure; however, the materials lack or have limited osteoinductive
properties [8]. In addition, the materials are often brittle, making them unable to support physiological loads without additional internal or external support. Commercially available products
include Interpore Internationals ProOsteonTM (Irvine, CA), which is a coral-derived HA material.
The material was the first synthetic approved by the Food and Drug Administration (FDA) [1].
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As with most materials of this type, it is highly osteoconductive, with limited osteoinductive
properties and limited mechanical strength [8]. Norian [9] has developed an injectable form of
calcium phosphate, the Norian SRS威 (skeletal repair system). The calcium and phosphate powder
are mixed with solution to form a paste that can be injected or packed into a defect site. External
or internal reinforcement is usually required to provide adequate support.
Demineralized bone matrix (DMB) is a highly processed allograft material. Treatment of
bone with mild acid removes the mineral component of bone, while leaving growth factors and
proteins [8]. These growth factors and proteins are mixed with a substrate, such as glycerol, to
form a workable material. Materials of this type typically have limited osteoconductive properties, but good osteoinductive properties. The level of these properties is dictated by the extent
of processing of the material [8]. In addition, insufficient mechanical strength has limited the
applications of the material. Osteotech Inc. (Eatontown, NJ) produces a DMB matrix, Grafton威,
in both a putty and sheet form that has been shown successful in oral [10] and lumbar spine
arthrodesis [11].
V. IDEAL STRUCTURE OF A BONE REPLACEMENT MATERIAL
The open and interconnected porosity of a bone replacement material should allow body fluids
to circulate throughout its entire extent. The range of pore sizes should encourage tissue ingrowth.
Pores that are very small will allow fluid transport to take place but will not be large enough
to accommodate cells or allow them to grow and divide. On the other hand, pores that are
relatively large will accommodate ingrowth of blood vessels, but may be too large for effective
cell recruitment and migration. If regions of the implanted bone replacement were not fully
accessible to nearby blood vessels, such as would be the case if the porosity of the material
were partially blocked off or if the pore size distribution lacked larger pores, then biologic repair
can be impaired. An ideal pore size distribution enables and enhances all factors leading to bone
formation: cell seeding, vascular ingrowth, extravascular fluid transport, and cellular resorption
of the scaffold.
VI. PPF-BASED BONE GRAFT EXTENDERS
A bioresorbable bone graft extender appears to be a viable alternative to autografts and allografts.
In light of currently approved synthetic products having significant drawbacks (e.g., lack of
resorbability, inclusion of animal- or marine-derived components, and poor handling characteristics [12]), the challenge becomes to create a bone graft extender material that behaves—both
biologically and biomechanically—more like bone. In addition, these materials could offer a
reasonable solution to the clinical dilemma of deficient autologous bone stocks.
Studies have demonstrated the development of a resorbable bone repair material that does
not contain biological material (either collagen or protein). This material is made from the
unsaturated polyester, poly(propylene glycol-co-fumaric acid), and is referred to in the literature
as poly(propylene fumarate) (PPF)[13–15]. The material can be mixed with cancellous autograft
and crosslinked in the presence of a hydroxyapatite filler and a sodium bicarbonate/citric acid
(CA) effervescent agent. The autograft–extender formulation can then be used to fill the void
created by removal of a cyst or infected bone or from trauma. However, little is known about
the appropriate autograft/extender ratio for the poly(propylene glycol-co-fumaric acid) bone
graft extender at which an osteoinductive effect is seen. In addition, debate still remains as to
how much cancellous autograft bone can be diluted with the PPF-based bone graft extender.
Ideally, the design of the most appropriate PPF bone graft extender formulation should consider
the effects of porosity, autograft content, and the contributions of the recipient tissue bed on the
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process of osteoinduction. Furthermore, extender degradation should occur at a rate supportive of
bone cell ingrowth and deposition of new bone at defect site.
In previous in vitro and in vivo studies, development of porous bone repair scaffolds have
primarily relied on the hypothesis that a more rapid ingrowth of bone cells will occur in these
types of materials [12,16,17]. Addition of autologous bone graft to the formulation should not
alter these material properties in vivo after implantation and in situ curing. However, these
material properties have not been investigated. It is generally assumed that a material with such
properties would initially provide structural support to the defect site. Thereafter, as the implant
degrades, the net result of newly formed bone plus residual implant, the repair-composite, must
continue to provide support to the defect reconstruction while yielding to the establishment of
native bone.
A number of in vitro studies have examined the relationship between porosity and mechanical strength and determined the amount of new bone formation in the rat tibial defect model
following implantation of the biodegradable PPF bone graft extender material at varying
autograft/extender mixing ratios [18]. The ultimate objective of these studies was to determine
whether new bone formation observed at a low autograft/extender mixing ratio is equivalent to
the amount of new bone formation observed at a high autograft/extender.
A. Formulation of a PPF-Based Bone Graft Extender and Its Evaluation
The PPF polymer [(MW⬃5000 by gel permeation chromotography (GPC)] was synthesized
from equimolar fumaric acid and propylene glycol in the presence of p-toluene sulfonic acid
[19]. Utilizing the unsaturated carbon double bond of the fumaric acid component, the polymer
can be crosslinked into a solid three-dimensional polymer construct. A typical polymer construct
formulation utilized in evaluation of the PPF material as a bone graft extender is shown in
Table 1.
The final form and utility of the polymer construct can be dictated by altering the relative
amounts of the various formulation components. The polymer can be prepared as a puttylike
consistency that is packed into a bony void [13,18,21] or as viscous quasisolid that can be
injected through a needle into a defect site[18,21]. Sodium bicarbonate (SB) and citric acid
(CA) can be included in the formulation as effervescent agents. The reaction of CA and SB
produces carbon dioxide, which is responsible for foam expansion and development of porosity
throughout the polymer construct. Porosity is developed with relative pore sizes of 100–1000
m. Scanning electron microscopy (SEM) revealed that the PPF foam was characterized by a
few large interconnecting pores measuring approximately 0.5–3.0 m in diameter and a large
number of small pores ranging from 50–400 m in diameter (see Fig. 1). In addition, the PPF
foam was noted to have a wide pore size distribution (median pore size 70 m) with at least
Table 1 Sample Composition of PPF Foam Formulation
Chemical
Poly(propylene fumarate) (PPF)
Hydroxyapatite (HA)
Vinyl pyrrolidone (VP)
Sodium bicarbonate (SB)
Benzoyl peroxide (BP)
Citric acid (CA)
Source: Ref. 20.

Amount (%w/w)
50.9
14.7
13.7
1.1
2.3
0.9
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30% of pores with an average diameter greater than 200 m (as confirmed by mercury intrusion
porosimetry).
The concentration of effervescent agents affects the porosity of the polymer construct as
well as the overall expansion of the material. The expansion of the material is used to provide
intimate contact between the construct and surrounding native bone. This close contact, along
with the porosity of the material, acts to encourage bone ingrowth into the polymer. The development of porosity using effervescent agents is more advantageous than the development of porosity using soluble salts [14,22]. Effervescent agents allow for porosity to be developed during
placement of the graft, unlike soluble salts, which require time for the salts to dissolve and
porosity to develop. Bony ingrowth can therefore begin immediately following implantation.
Increasing the effervescent agent concentration from 1 to 5% causes the void fraction to increase
1.5 times. Figure 2 shows the increase in expansion that accompanies an increase in effervescent
agent concentration.
Yaszemski et al. [14] and Mikos et al. [22] reported using a mixture of poly(propylene
fumarate) crosslinked by N-vinyl-pyrrolidone in the presence of composite material consisting
of a porogen material (either gelatin microspheres or salt particles such as sodium chloride) and
beta-tricalcium phosphate. In comparison, Domb et al. [15] utilized calcium carbonate and
tricalcium phosphate as a particulate filler, and Gerhart et al. [23] employed a composite matrix
consisting of gelatin, water, and sodium salicylate.
A different technology to generate porosity of the PPF-based bone graft extender material
was applied by the authors. The addition of citric acid and sodium bicarbonate to the formulation
led to formation of carbon dioxide, which is ultimately responsible for foam formation and

Figure 1 SEM of PPF foam.
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Figure 2 Void fraction of PPF-based bone graft extender as a function of effervescent agent concentration.

expansion with respective pore sizes of 100–1000 m. The PPF-foam was noted to have a wide
pore size distribution (median pore size 70 m) with at least 30% of pores having an average
diameter greater than 200 m as confirmed by mercury intrusion porosimetry. These material
properties, combined with practical handling characteristics and working times on the order of
15 min, made PPF-based foaming scaffold an ideal bone graft extender carrier material that
easily mixed with cancellous autograft bone.
B. In Vitro Evaluation of a PPF-Based Bone Graft Substitute
An initial in vitro experiment examined the mechanical strength and handling of the graft material
mixed with ground freeze-dried human bone (Lifenet Virginia Beach, VA). The allograft bone
was mixed with the PPF material, crosslinking agent, and effervescent agents to form a XLPPF pellet, following curing at 37 ⬚C for 48 h.
Cured XL-PPF extender pellets were removed from the mold and subjected to compressive
stress tests before and after in vitro degradation. Peak compressive strength was measured on
an Instron (Canton, MA) Model 8511 materials tester at a strain rate of 0.1 mm/min. Initial
mechanical properties were conducted on samples conditioned in saline at 37 ⬚C for 60 min,
and temporal properties were assessed following in vitro degradation in phosphate buffered
saline (PBS) at 1, 3, and 6 weeks. Temporal mechanical properties were measured for XL-PPF
formulations with either 0 or 25% human allograft bone.
Peak compressive forces for both XL-PPF formulations were measured through 6 weeks
of in vitro degradation (see Fig. 3). Initial compressive strengths for XL-PPF with 0% allograft
bone (3.5 Ⳳ 1.5 MPa) and XL-PPF with 25% (w/w) allograft bone (3.5 Ⳳ 4.7 MPa) were
comparable to values for human cancellous bone (5.0 MPa) measured under similar conditions
[24]. In addition, both formulations retained approximately 50% of their initial mechanical
strength following 3 weeks of in vitro degradation.
Although both formulations had similar compressive strengths through 3 weeks of in
vitro degradation, the XL-PPF–based extender mixed with 25% bone had a significantly higher
strength (1.9 vs. 0.5 MPa) after 6 weeks as determined by a one-way analysis of variance (p
⳱ 0.003). Thus, mixing the XL-PPF–based graft extender with 25% bone graft did not compromise the mechanical integrity of the implant.
C. In Vivo Analysis of Autograft Extension
An in vivo study conducted by the authors assessed new bone growth within an XL-PPF–based
implant at varying autograft/extender ratios. The osteoconductive effect of the PPF-based bone
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Figure 3 In vitro temporal mechanical strengths of XL-PPF extenders mixed with either 0 or 25% allograft
human freeze-dried bone.

graft extender was evaluated using the rat tibial metaphysis implantation model according to
Lewandrowski et al. [7]. Extender implants mixed with autograft bone at ratios of 3:1 and 1:3
(autograft/extender) were implanted within noncritical defects created in rat tibiae. New bone
growth within the autograft/extender implants were compared to positive (100% autograft) and
negative (100% extender) controls. Healing of the defect was assessed qualitatively by histology
at 6 weeks postimplantation. New bone growth and osteoconduction within the implant was
quantified by histomorphometry.
Histomorphometric evaluation of new bone formation was done by acquiring images of
serial longitudinal sections of the specimen using a CCD video camera system (TM-745, PULNiX, Sunnyvale, CA) that was mounted on a Zeiss microscope. Images were digitized and
analyzed. The approximate absolute volume of the newly formed bone was presented as an
average (mean Ⳳ standard deviation) of these volume measures for each bone specimen. This
parameter was given as a percentage rate and is presented as the average of all sections of eight
grafted animals per graft type. This was defined as the New Bone Volume Index. Differences
in the amount of new bone formed in response to implantation of the various types of grafts
were analyzed for statistical significance by employing an ANOVA test. A p-level of less than
0.05 was considered statistically significant.
In the extender formulation, which was analyzed at a high autograft/extender (75%
autograft/25% extender) mixing ratio, the implanted area was clearly identifiable. The bone
graft extender material was dispersed throughout newly formed bone. New bone formation was
primarily noted to occur within pores and seemingly proceeded from the endosteal surfaces and
the adjacent tibial metaphysis into the implant.
The depth of bone ingrowth could not be reliably determined as the autologous bone graft
had been mixed with the extender graft material prior to implantation. No significant inflammatory changes were noted. New bone formation within and around the implant took place without
interposition of fibrous tissue. In addition to bone ingrowth into the implant, there was evidence
of enchondral bone formation between bone graft extender particles. Furthermore, osteoclastic
and osteoblastic activity at the implant–bone interface suggested that the newly formed bone
was undergoing active remodeling. Occasionally, macrophages were present that contained intracellular inclusions of what appeared consistent with polymer.
In the extender formulation, which was analyzed at a low autograft/extender (25%
autograft/75% extender) mixing ratio, histologic findings were similar to the bone samples that
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were retrieved from the group of animals that received extender formulation mixed with autograft
at a high autograft/extender (75% autograft/25% extender) mixing ratio. PPF-based bone graft
extender material was found in the metaphyseal implantation site with intimate contact to the
surrounding newly formed woven bone. Although the absolute amounts of the PPF-based bone
graft extender were higher and those of autologous bone graft lower in this group than in the
other experimental group, the amount of newly formed woven bone did not seem to be different
between the two experimental groups.
Quantitative histomorphometric volume measures of new bone formation in response to
the implantation of any of the four types of grafting materials corroborated histologic findings.
That is, the amount of new bone formation was significantly less in the positive and negative
control groups by quantitative volume measures as expressed by the new bone volume index
(see Table 2; p ⬍ 0.02). However, there was no statistically significant difference in the new
bone volume index between the two experimental groups suggesting that mixing the PPF-based
bone graft extender with a small amount of autologous bone graft resulting in mixed formulations
with an autologous bone graft content as low as 25% is just as effective as using higher amounts
of cancellous autograft.

VII. DISCUSSION
The reviewed in vivo study focused on the quantitative assessment of osteoinduction with the
PPF-based bone graft extender at varying mixing ratios with cancellous autograft bone. This
was achieved by analyzing the extender formulation at a high autograft/extender (75% autograft/
25% extender) and at a low autograft/extender (25% autograft/75% extender) mixing ratio and
by comparing these formulations to negative (extender alone) and positive (autograft alone)
controls. To investigate these material properties the osetointegration and biocompatibility of
the various formulations was evaluated in a rat tibial defect.
Results of in vitro and in vivo studies demonstrated maintenance of the structural integrity
of the bone graft extender material used alone or in combination with cancellous autograft.
There was no evidence of implant failure or disintegration at 4 weeks postoperatively. In addition,
it was clearly evident that these control grafts, which did not contain any autograft, were extremely osteoconductive.
The PPF bone graft extender formulations, which were mixed with cancellous autologous
bone graft and presumably had enhanced osteoinductive properties in vivo did not disintegrate.
New bone ingrowth was shown to reside within and around particles of the PPF-based bone
graft extender material. In the mixed groups, the amount of new bone, which formed at the
implantation sites was significantly higher. When compared to the mixed groups, the amount
of new bone formation was significantly less in the positive and negative control groups The

Table 2 New Bone Volume Index for Each Graft Type Based on Eight Rats per
Group and 4 Weeks Postoperative Follow-up
New bone volume index (%)
Negative control (PPF alone)
Positive control (cancellous autograft alone)
75% autograft/25% PPF extender (high)
25% autograft/75% PPF extender (low)

24 ⫾ 3
15 ⫾ 6
48 ⫾ 7
46 ⫾ 5
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fact that there was no statistically significant difference in the new bone volume index between
the two experimental groups containing PPF-based extender and cancellous autograft suggested
that mixing the PPF-based bone graft extender with a small amount of autologous bone graft
with an autologous bone graft content as low as 25% is just as effective as using higher amounts
of cancellous autograft. These results clearly demonstrated that the porous PPF- based scaffold,
in fact, can function as a true bone graft extender. These findings have immediate applicability
to the development of bone graft extender formulations for clinical use.
VIII. CONCLUSIONS
Bioresorbable bone graft extenders could eliminate disadvantages associated with the use of
autografts, allografts, and other synthetic materials currently used in clinical bone graft procedures. The major clinical application for this resorbable bone graft extender includes its use as
an adjunct to filling of defects that arise from surgical removal of cysts and tumors, trauma,
osteolytic defects, or surgical debridement of infections. Because autologous bone stocks are
not sufficient to deal with extensive bony defects in clinical applications, a biodegradable bone
graft extender requiring only minimal amount of autograft bone to produce an equivalent osteoinductive response as seen with autografts is increasing in demand.
Initial studies, employing both ex situ and in situ cured bone graft extender materials,
indicated that new bone formation at the implantation site appears to be closely coupled to the
addition of autograft. Therefore, optimization of autograft/PPF ratios by controlled in vitro and
in vivo studies seems critical for the understanding of healing of larger bony voids after implantation in a clinical setting. Such optimization results from the consideration of the ratio of cancellous autologous bone to the polymeric extender, as well as the porosity of the extender. It is
theorized that degradation of polymeric formulations that are structurally stable yet capable of
initially developing in vivo porosities for bony ingrowth could be synchronized with the sequence
of histologic events of the bone healing process.
The investigations demonstrated that mixing a PPF-based bioresorbable graft extender with
graft material increased the working volume of autograft or allograft bone material. Significant
increases in new bone growth were observed in cases when as little as 25% autograft was
mixed with the PPF-based extender material. These findings could have a significant impact on
addressing the increasing problem of limited graft material supply. Moreover, the substitute
material has the potential ability to reduce or eliminate the need for a secondary surgical site
and the associated complications.
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I. INTRODUCTION
Classically, internal fixation of bones has been performed using metallic devices. However,
metals are much more rigid than bone itself. Rigid fixation inhibits callus formation [1], leading
to bone atrophy due to stress protection [2,3]. Metallic implants may also harbor infection which
is difficult to eradicate without implant removal. Metals that are commonly used include stainless
steel and titanium, and vitalium to a lesser extent. Stainless steel, however, has low resistance
to corrosion. Titanium has also been shown to ‘‘degrade,’’ and it has been found in the soft
tissues surrounding titanium plates and also in the regional lymph nodes.
In craniomaxillofacial (CMF) surgery the problem of translocation of metallic implants
to the inner side of the cranial table and interference with the growth of the skull in children
are the main serious concerns. Metallic implants may also interfere with radioimaging. They may
also be associated with cold sensitivity in the facial skeleton, which is an especially important
consideration in cold climates. It is recommended that metallic implants be removed, and this
entails a second surgical procedure with consequent financial and psychological consequences
as well as an increased risk of complications, especially in pediatric surgery. Continuous research
and development in the field of biomaterials has led to the introduction of reliable bioabsorbable
internal fixation devices. At the advancing front of successful implants are the new self-reinforced (SR) devices, which will replace metallic devices, at least in certain osteofixation indications. We review here the developments that have led to the current state-of-the-art use of
bioabsorbable devices in bone surgery.
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II. PROBLEMS WITH METALS
A. Pseudomigration
Pseudo-migration of metals [4–10] can be a problem, especially in the growing skulls of children,
because cranial growth takes place by the laying of new bone on the outer surface and resorption
of old bone on the inner side of the skull. Consequently, metals that are applied on the outer
surface of the skull can occasionally sink into the bone, be found on the inner side of the skull
[4], or even against the dura [7]. Although no neurological complications have been reported
yet (follow-up of 2–6 years), there is a potential risk of damage to the brain should implant
dislodgement occur in conditions such as trauma [4]. In minipigs [6], total invagination of
titanium plates with initial intracranial translocation occurs after 12 to 16 weeks postimplantation.
Hence, it is recommended that all metals used in infant crania should be removed as early as
possible (within 3 months). Currently, such devices are not removed unless they give rise to
problems. Pseudomigration more often complicates the use of longer plates and application in
the temporal region [5].
B. Growth Disturbance
In pediatric CMF surgery, metals may lead to growth disturbance of the skull bones. This can
occur with the placement of rigid plates, especially across sutures (in rabbits) [11–14], but it
may also occur even when sutures are not crossed (in monkeys) [15]. The more complex the
fixation, the greater the magnitude of growth changes seen, and hence it is advised that the least
amount of fixation needed to provide three-dimensional stability should be used [16].
C. Stress Protection
Because of the rigidity of metals (E ⳱ 100–200 GPa), which is higher than that of bone itself
(e.g., cortical bone, E ⳱ 10–20 GPa) [17], they are associated with stress concentration
[3–18,19], which leads to bone atrophy or osteopenia, weakened bone, and increased risk of
bone and implant fractures [2,3,20–23]. Bone mineral density was found to be lower when
metallic screws were used to fix distal femoral osteotomies in rabbits, compared with bioabsorbable screws [24].
In experimental studies, stress shielding has been shown to occur in grafted mandibular
bone [25,26], and bone resorption has been reported clinically in association with the use of
rigid plate fixation. However, the clinical significance of this problem remains unclear.
D. Radio-opacity
The radio-opacity of metals can lead to obliteration of the view of tissues lying behind them,
interfering with adequate radiological evaluation [27–31] such as CT scanning [32,33] and MRI
[34]. This is a disadvantage in the field of CMF surgery, where neuroimaging is needed, e.g.,
in cancer patients. In addition, radio-opacity of metals may interfere with radiotherapy used in
the treatment of cancer patients [35].
E. Infection
Implants may be colonized by bacteria that can form a biofilm, as may occur with Staphylococcus
epidermidis [36]. A biofilm is known to interfere with the reach of antibodies and phagocytes
to the residing bacteria, and with antibiotic sensitivity [37–39,42], leading to a status of persistent
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infection [40]. Various solutions are being explored to enhance the resistance of biomaterials
to bacterial adhesion [41].
F. Corrosion
Stainless steel may suffer from corrosion in body fluids. With titanium, corrosion is limited by
the formation of an oxide film, but titanium particles have been reported to be found at distant
locations [42]. Corrosion products can accumulate in tissues encapsulating the implant [3,43]
or in the draining lymph nodes [44]. The effect of metal ions on osteoblasts has been investigated
and it was found that they may alter osteoblast behavior even at subtoxic concentrations [45].
These effects may not be very apparent clinically, but it is a matter of concern and there is a
need to develop better and ‘‘smarter’’ materials.
G. Costs
As mentioned earlier, in pediatric CMF surgery, the problems of implant pseudomigration and
interference with growth of the skull warrant the removal of metal implants. Removal operations
are associated with potential complications and extra costs, for obvious reasons, as the second
operation is usually technically more difficult, consumes more time, and requires more facilities.

III. DEVELOPMENT OF BIOABSORBABLE OSTEOFIXATION DEVICES
A. General
Research has focused on a class of aliphatic polymers called poly-␣-hydroxy acids. This class
has been under intensive research in the development of osteosynthesis devices since the 1960s
[46–57]. Devices made of polyglycolide (PGA) or polylactide (PLA) are the strongest obtained
in this class.
Bioabsorbable polyesters are broken down by hydrolysis, with progressive attack on their
ester bonds, leading ultimately to release of monomers. In vivo, their degradation may also be
accelerated due to the effect of enzymes [58]. The resulting monomers are metabolized and
eliminated without the risk of toxic organ accumulation.
An important polymer that is used for manufacturing surgical devices is the polymer of
glycolic (␣-hydroxy acetic) acid. The polymer is manufactured by ring opening of the dimer
(glycolide) [54,59] hence the name polyglycolide. Both names, polyglycolic acid and polyglycolide, are used interchangeably. Glycolide, the cyclic dimer condensation product, is formed by
dehydrating glycolic acid. PGA of high molecular weight (20, 000 to 145, 000) [60] is a hard,
tough, crystalline polymer melting at about 224–228⬚C, with a glass transition temperature (Tg)
of 36⬚C. PGA can be spun into fibers which increase the strength properties of the polymer
because of higher preferred molecular orientation of the polymer in the fiber [46,61].
The other important polymer used in manufacturing surgical devices is the polymer of
lactic (␣-hydroxycarboxylic) acid. The polymer is called polylactic acid or polylactide (because
of synthesis from the dimer of lactic acid, the lactide). PLA has two enantiomeric isomers, the
L and the D isomers. PLLA is a crystalline polymer with a prolonged degradation time. Addition
of the D isomer into the PLA polymer chain makes it more amorphous, with faster degradation.
Various degradation rates of the copolymer can be achieved by changing the percentages of L
and D components. PLA with plastic properties was introduced as early as 1955 [62]. Later,
surgical applications of materials made of either poly-L/D-lactide (PDLA) or poly-L-lactide
(PLLA) were tested in the 1960s and 1970s [56,63]. PLLA was initially more commonly used
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in clinical applications, but it is becoming more and more replaced by rapidly degrading PLLA
and PLGA copolymers. PLLA has a melting point of about 174–184⬚C and a glass transition
temperature of about 57⬚C [49], and it can be spun to form fibers when its average molecular
weight is 20,000 to 145,000 [60]. Getter et al., in 1972, used PLLA plates and screws [64] for
the treatment of mandibular fractures in beagles (n⳱6). After 32–40 weeks, the fracture sites
were indistinguishable from the adjacent bone. Roed-Peterson, in 1974 [65], used PGA sutures
(DexonR) to fix mandibular fractures in two young patients. However, at that time, with the
available materials, it was not possible to rely completely on bioabsorbable implants for bone
fixation. As far as bone healing was concerned, the results were successful and encouraging.
Later, in 1989, Illi et al. [66] used PLLA screws and polydioxanone (PDS) bands in children
for cranioplasties and cranial reconstructions (n⳱8). After a follow-up time of 2–20 months,
aesthetic and radiological results were as good as those obtained with conventional materials.
To improve the strength retention properties of polymeric devices, one way is to increase
the bulk of polymer in the device. Another way is to use a polymer with a higher molecular
weight. High molecular weight, so called ‘‘as-polymerized,’’ PLA plates and screws have been
used for the fixation of fractures of the zygomatic arch in humans. Although healing was uneventful, the patients developed swelling at the site of implantation 3 years postoperatively [67]. This
occurred in all 10 of the treated patients. Eight of them had to undergo exploratory surgery.
The retrieved tissue revealed PLA particles encapsulated in thick fibrous tissue.
B. Reinforced Bioabsorbable Materials
The focus of research at that stage was aimed at the development of strong devices with better
strength retention properties [47–61,68]. One approach involved the use of elements such as
fibers, fibrils or oriented polymer chains to reinforce the matrix of the device. These reinforcing
elements were made of a material different from the material of the matrix of the device, such
as carbon fibers or other polymers. PGA-reinforced PLLA plates were used in sheep by Christel
et al. [69]. Five plates were used on sheep tibiae (no osteotomies), and they exhibited cracks
at the screw holes. One of two plates implanted on osteotomized tibiae broke after 1 month and
the other was still under evaluation at the time of the report. To produce stronger materials,
more and more reinforcing elements are needed, and the use of chemical agents called adhesion
promoters is also needed. The degree of reinforcement, however, may be limited because of a
limit to the amount of adhesion promoters that can be used, as those normally used are toxic
[70].
C. Self-Reinforced Bioabsorbable Materials
Another approach to develop stronger bioabsorbable devices was developed by Törmälä and
Rokkanen [71], and it comprises the use of reinforcing elements in the device that are of the
same material as that of the matrix of the device itself. The technique was therefore called selfreinforcement (Fig. 1A). When the self-reinforcing method is used, adhesion promoters are not
needed, their side effects can be avoided, and a higher degree of reinforcement can be achieved,
resulting in the production of stronger devices. So far, various self-reinforced osteofixation
devices have been produced, such as rods, pins, screws, plates, and tacks (Fig. 1B), and they
have proved to be successful.
Over the last 10 years the clinical application of SR devices in CMF surgery has evolved.
The first applications involved SR-PLLA, with SR-PLDLA and SR-PLGA devices being used
nowadays. Experience gained in other fields such as orthopedics and trauma surgery, as well
as experience gained by other groups, have added to our own experience in the development
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Figure 1 Cross-section of self-reinforced (die-drawn) rod showing the structure SR composite that comprises oriented fibrils and binding matrix (A). Various types of devices such as plates and screws can be
produced from SR material (B). SRplates can be cut using scissors (C) or heat loop (D). SR plates can
be bent twice fore and back (E) in room temperature without affecting significantly their strength properties.
Bending them more than twice may lead to weakening of their strength.

174

Ashammakhi et al.

of appropriate materials for various applications. We recently reported our long-term results
[72], which were encouraging. We then undertook a multicenter study in an EU project that
involved centers from Innsbruck, Paris, Oulu, and London. In all, we have operated on more
than 180 CMF patients (mostly for correction of congenital deformities) using SR devices [73].
The results have been encouraging; they are being analyzed further and will be reported in detail
in a later publication.
D. Advantages of Bioabsorbable Osteofixation Devices
1. Elimination from the Body
Bioabsorbable materials undergo degradation by hydrolysis and to a lesser extent by enzymes
[58]. As they are degraded into smaller products, they are engulfed by phagocytes and eliminated
through natural body metabolism in the form of water and CO2 without toxic tissue accumulation
[74]. Self-reinforced devices have a ductile mode of deformation during their degradation in
vivo.
2. Plastic Handling
Bioabsorbable devices have plastic handling properties. One can cut or trim them using scissors
(Fig. 1C), saw, or heat loop (Fig. 1D). Screw holes can be added to the plates whenever necessary.
Should a screw break during the insertion procedure, there is no need to remove it — it can be
drilled through and another screw can be applied. Accordingly, plate repositioning is not needed.
Self-reinforced devices have high initial strength (appropriate modulus). They can also be made
into small yet strong devices to minimize the risk of complications such as palpability, as seen
with other types of implants. They can also be reshaped in the operating theater at room temperature without significantly affecting their strength properties (Fig. 1E). Use of time-consuming
heating systems (heat gun, heating bags [75], thermal packs [76], or electric heating devices
[77]) is consequently not needed. After heating PLGA plates in excess of their Tg, it has been
reported that their flexural modulus falls by 20% [78]. The plates need 2 min of cooling down
to regain 50% of their stiffness, but after 1 week (in vitro), the mechanical properties of heated
and nonheated plates are identical. Because of ‘‘memory," bent plates may return to their prebent
shape, which may lead to insecure fixation. Such a memory effect is minimal with amorphous
SR-PLDLA plates (2–3%). Moreover, memory can be balanced by overmolding the plates to
the desired shape at the time of operation, without problems.
3. Plastic Behavior
Osteofixation with bioabsorbable devices is not as rigid as that provided by metals. Some degree
of micromotion can occur. While the polymer loses its strength gradually, the load is transferred
to the bone. The strength of PLGA copolymer, for instance, is maximal when healing of bone
is just beginning, whereas when bone healing is well advanced, the strength of the device is
less [79]. Such an effect may lead to better quality of bone. Bioabsorbable devices should not
lead to growth disturbances when used in children, except if they are too slow to degrade or
are placed across sutures [11]. Compensatory bone lengthening (normalizing bone response)
may, however, take place, leading to maintained overall skeletal morphology [80]. Another
determining factor is the size of the implant. Hence, small devices should be used whenever
possible to avoid growth disturbances. More rapidly degrading materials such as PLGA are
preferred because they soften with time and allow for device elongation without interfering with
cranial bone growth [81].
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4. Reduced Time of Operation
Recently, we introduced bioabsorbable tacks that can be applied using a special instrument, a
tack-shooter (Fig. 2A). Use of tacks can lead to reduction of operative time because the tacks
do not require tapping or tightening (Fig. 2) [82–84]. We have found that the time of operation
can be reduced by 10–15% when using bioabsorbable tacks instead of screws [85], after having
passed the early phase of the learning curve, where the time was somewhat prolonged.
5. Radiolucency
Bioabsorbable devices are, by nature, radiolucent and they do not preclude subsequent use of
MRI or cause artefacts in CT scanning. We believe that this is an advantage, although the need
to visualize implants is also recognized [86]. It is also possible to manufacture cannulated
bioabsorbable screws to allow introduction of K-wires and radiological monitoring when indicated. This may be needed in orthopedic and trauma surgery.
6. Postoperative Radiotherapy
The fact that bioabsorbable devices are radiolucent allows for greater x-ray penetration for
postoperative radiotherapy [87]. Studies have indicated that PLA material can be regarded as a
tissue equivalent and can be safely used to fix osteotomies when postoperative irradiation is
anticipated [87]. Hofmann et al. have studied the effect of radiation on PGA in vitro [88].
Following irradiation, PGA specimens were incubated in a chamber simulating the humid milieu
of a living organism. Weekly bending strength testing of specimens for 3 weeks showed no
significant difference compared with control specimens.
7. Cost Effectiveness
Costs can be reduced by using one large bioabsorbable panel plate that can be cut into several
small plates [89]. They can be cut with scissors or a hot loop and tailored as required. However,
precise cost-effectiveness needs to be evaluated in future studies. It is worth noting that with
the advent of bioabsorbable tacks and their application device (tack-shooter) (Fig. 2) costs
can be further reduced due to reductions made in operative time and reduction in the risk of
complications. Multifunctional osteofixation devices that contain antibiotics [90,91] may also
contribute to long-term cost-effectiveness by reducing the rate of infections. However, this issue
has to be addressed in a future clinical study.
E. Disadvantages
1. Size Limitations
It is now possible to produce relatively small yet strong miniplates employing the self-reinforcing
technique. However, it would be an advantage to have even smaller microplates and microscrews,
as in many cases plate thickness is often a problem where soft tissue cover is thin, with the risk
of palpability, extrusion, or sinus formation. Biomaterials technologists may circumvent this
problem, either by finding new methods to produce microimplants using the same materials or
by using new materials in the future.
2. Fluid Accumulation and Sinus Formation
Fluid accumulation has been reported, even with nonabsorbable devices [92]. However, the
fluid accumulation (and consequent swelling) that we refer to here is that related to the use of
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Figure 2 Tack-shooter (A) is used to apply tacks (B) that are provided ready preloaded in a magazine
containing up to ten tacks. To maintain corrected shape of the frontal bone a plate fixed with tacks was
applied endocranially (C). Preoperative trigonocephaly deformity in infant (D) and immediate postoperative
view (E) are shown.

Bioabsorbable Devices in CMF Surgery

177

bioabsorbable implants. It is a sterile fluid that contains polymer degradation products and it
occurs because the rate of degradation exceeds the rate of absorption (elimination). The fluid
may track to the exterior in the form of a sinus (often wrongly called a fistula). It can be treated
by aspiration or excision and it does not interfere with the healing of the bone. It was particularly
observed to occur when pure homopolymeric devices such as relatively rapidly degrading PGA
implants [93] and as-polymerized slowly degrading PLLA [67] were used. High molecular
weight is also a factor that can be implicated in retarded resorption [94]. Immunological studies
of accumulated fluid after the implantation of PGA revealed nonspecific lymphocytic activation
secondary to inflammatory mononuclear cell migration and adhesion [95]. Currently, copolymeric rather than homopolymeric devices are used and the risk should be remote. However, it
should still be kept in mind, and the smallest possible amount of polymer should be used, to
ensure tissue absorption.
In CMF surgery, the clinical application of SR devices has been relatively gradual and
no such complications have yet been reported in short- and long-term follow-up studies
[48,52,72,82, 96–104]. Other (nonreinforced) bioabsorbable devices have been used as large
implants [105] to compensate for their brittleness and low strength [49]. Nonreinforced, 2-mmthick as-polymerized PLLA plates that were used for fixation of zygomatic fractures in ten
patients [67] caused remarkable persistent swelling [105]. At 3 years postimplantation, analysis
revealed PLA crystals encapsulated in thick fibrous tissue. Copolymers rather than homopolymers are preferred for clinical application and they are thought to be associated with diminished
risks of inflammatory reactions. Copolymeric devices made of amorphous PLDLA or PLGA
have not caused clinically significant foreign body reactions.

IV. FUTURE PROSPECTS
A. New Indications
Our surgical thinking has long been dominated by metals. With the introduction of bioabsorbables, osteofixation procedures need to evolve in a parallel fashion to accommodate new ideas
and innovations. One should always remember that bioabsorbables will not completely replace
metals in every indication or every situation. Bioabsorbables, on the other hand, make new
applications possible because of their capacity to carry drugs, cells, and biomolecules. They can
be used inside the bone [106] or in body cavities because they are resorbed and do not require
removal. In cranioplasty, for instance, carried out to correct trigonocephaly, absorbable plates
have been endocranially placed behind the frontal bone to avoid extracalvarial application over
the thin frontal soft tissue cover, with successful outcome (Fig. 2) [97,107].
Surgical speciality training now has to include bioabsorbables as they have particular
properties and requirements for successful use. This is very important to reduce the rate of failed
screw and tack application and the rates of complications. Attention has to be paid to the type
of material used, its mode of deformation, and its degradation and absorption profiles. Enough
soft tissue cover of the implant, and adequate vascularity of the area should be ensured to avoid
postoperative problems and to enable absorption of the polymer once degraded.
B. Multifunctional Materials
Our group has recently succeeded in the development and introduction of a new generation of
multifunctional bioabsorbable devices. These devices are composed of bioabsorbable polymers,
bioactive glass (for osteoconduction), and drugs (in one example, antibiotics) [90–91,108]. Once
implanted in the bone, these devices should be replaced with bone rather than fibrous tissue
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and will be more resistant to bacterial attachment, proliferation, and biofilm formation on their
surfaces. We have observed reduced bacterial attachment and biofilm formation on these devices
in our preliminary in vitro studies (Fig. 3), and we are currently studying them in experimental
animals in regard to tissue reactions. These multifunctional devices (Fig. 4) [90,91,108–110]
can combat infection and should have a particular use in cases of trauma and in contaminated
operation fields.
Other bioactive devices are also under intensive research and development [111]. Such
bioactive devices can be made to contain biomolecules such as growth factors [112], chemotherapeutics, hormones, or vaccines. The inclusion of growth factors may very well help to treat
difficult-to-heal bone defects, especially when such biomaterials contain osteoconductive ceramics such as bioactive glass. As regards growth factors, we still need to learn more about the
threshold values [27] and long-term clinical outcome to be able to provide more profound
information.
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experimental osteotomies fixed with absorbable selfreinforced poly-L-lactide screws or metallic
screws studied by plain radiographs, quantitative computed tomography and magnetic resonance
imaging. Biomaterials 1995; 16:1353–1358.
25. Kennady MC, Tucker MR, Lester GE, Buckley MJ. Histomorphometric evaluation of stress shielding
in mandibular continuity defects treated with rigid fixation plates and bone grafts. Int. J. Oral
Maxillofac. Surg. 1989; 18:170–174.
26. Kennady MC, Tucker MR, Lester GE, Buckley MJ. Stress shielding effect of rigid internal fixation
plates on mandibular bone grafts. A photon absorption densitometry and quantitative computerized
tomographic evaluation. Int. J. Oral Maxillofac. Surg. 1989; 18:307–310.
27. Habal MB. Regeneration osteogenesis: the challenges that face bone graft surgery in the new millinium. Perspectives in Plastic Surgery 1998; 11(2):1–18.
28. Ebraheim NA, Coombs R, Rusin JJ, Jackson WT. Reduction of postoperative CT artifacts of pelvic
fractures by use of titanium implants. Orthopedics 1990; 13:1357–1358.
29. Ebraheim NA, Savolainen ER, Stitgen SH, Jackson WT. Magnetic resonance imaging after pedicular
screw fixation of the spine. Clin. Orthop 1992; 279:133–137.
30. Sullivan PK, Smith JF, Rozzelle AA. Cranio-orbital reconstruction: safety and image quality of
metallic implants on CT and MRI scanning. Plast. Reconstr. Surg. 1994; 94:589–596.
31. Weese JL, Rosenthal MS, Gould G. Avoidance of artefacts on computerized tomograms by selection
of appropriate surgical clips. Am. J. Surg. 1984; 147:684–687.
32. Anastakis DJ, Antonyshyn OM, Cooper PW, Yaffe MJ, Bush K, Mawdsley GE. Computed tomography artifacts associated with craniofacial fixation devices: an experimental study. Ann. Plast. Surg.
1996; 37:349–355.
33. Fiala TG, Novelline RA, Yaremchuk MJ. Comparison of CT imaging artifacts from craniomaxillofacial internal fixation devices. Plast. Reconstr. Surg. 1993; 92:1227–1231.
34. Fiala TG, Paige KT, Davis TL, Campbell TA, Rosen BR, Yaremchuk MJ. Comparison of artifact
from craniomaxillofacial internal fixation devices: magnetic resonance imaging. Plast. Reconstr.
Surg. 1994; 93:725–730.

Bioabsorbable Devices in CMF Surgery

181

35. Scher N, Poe D, Kuchmir F, Reft C, Weichselbaum R, Panje WR. Radiotherapy of the resected
mandible following stainless steel plate fixation. Laryngoscope 1987; 98:561–563.
36. An YH, Friedman RJ, Draughn RA. Bacterial adhesion to biomaterial surfaces. In: Wise Donald
L, Trantolo Derba J, Altobelli David E, Yaszemski Michael J, Gresser Joseph D, eds. Human
Bioamterials Applications. NJ: Humana Press, 1996:19–57.
37. Gray ED, Peters G, Verstegen M, Regelmann WE. Effect of extracellular slime substance from
Staphylococcus epidermidis on the human cellular immune response. Lancet 1984; 1(8373):
365–367.
38. Gristina AG, Hobgood CD, Webb LX, Myrvik QN. Adhesive colonization of biomaterials and
antibiotic resistance. Biomaterials 1987; 8(6):423–426.
39. Gristina AG, Jennings RA, Naylor PT, Myrvik QN, Webb LX. Comparative in vitro antibiotic
resistance of surface-colonizing coagulase-negative staphylococci. Antimicrob. Agents Chemother
1989; 33(6):813–816.
40. Francois P, Vaudaux P, Foster TJ, Lew DP. Host–bacteria interactions in foreign body infections.
Infect. Control Hosp. Epidemiol 1996; 17(8):514–520.
41. Koerner RJ, Butterworth LA, Mayer IV, Dasbach R, Busscher HJ. Bacterial adhesion to titaniumoxy-nitride (TiNOX) coatings with different resistivities: a novel approach for the development of
biomaterials. Biomaterials 2002; 23(14):2835–2840.
42. Schliephake H, Reiss G, Urban R, Neukam FW, Guckel G. Metal release from titanium fixtures
during placement in the mandible: an experimental study. Int. J. Oral Maxillofac. Implants 1993;
8(5):502–511.
43. Jacobs JJ, Gilber JL, Urban RM. Corrosion of metal orthopaedic implants. J. Bone Joint Surg 1998;
80A:268–282.
44. Yuen JC, Klitzman B, Serafin D. Biomaterials in plastic surgery. In: Greco RS. Implantation Biology:
The Host Response and Biomedical Devices. Boca Raton, Florida. USA: CRC Press, Inc., 1994:
191–228.
45. Sun ZL, Wataha JC, Hanks CT. Effects of metal ions on osteoblast-like cell metabolism and differentiation. J. Biomed. Mater. Res 1997; 34:29–37.
46. Vert M, Chabot F, Leray J, Christel G. Stereoregular bioabsorbable polyesters for orthopaedic
surgery. Makromol. Chem 1981; (Suppl.)5:30–41.
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I. INTRODUCTION
Long-term success in the treatment of periodontal defects depends upon both the growth of new
bone and periodontal regeneration at the defect site. A wide range of materials has been studied
for the treatment of osseous periodontal defects. Materials used in these treatments offer a
number of desirable properties such as biocompatibility, osteoconductivity, osteoinductivity,
availability, mechanical strength, resorbability, and ease of application. Although several of
these properties may be found in certain materials, it is difficult to meet all of these criteria
with a single treatment method.
Treatment materials for the repair of periodontal defects may be divided into categories,
such as bone graft, ceramics, or synthetic polymers. Bone graft may be obtained from the patient
(autograft), a donor (allograft), or from another species (xenograft). Bone graft treatments have
the longest clinical history and have inherent biological advantages, such as osteoinductivity,
which synthetic materials do not provide. However, availability and safety concerns of bone
graft sources limit their clinical use. Synthetic materials include ceramics and polymers that are
readily available, but these materials are mostly osteoconductive and demonstrate clinical outcome limitations [1]. Biocompatible synthetic compounds, such as ceramics prepared from calcium phosphates, do not always result in reliable periodontal regeneration. Polymeric bone graft
substitutes based on homo- and copolymers of lactide and glycolide, poly(methyl methacrylate),
and a new material based on poly(propylene glycol-co-fumaric acid) (PPF) are often used in
conjunction with bone graft to promote osteoinduction.
II. BONE GRAFT
A. Autograft
Bone graft procured from the patient offers biological advantages over other materials, as it is
a natural source of osteogenic factors and progenitor cells. Relatively large amounts of autograft
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may be obtained from the iliac crest. In addition to new bone growth, iliac graft has been linked
to new periodontal regeneration [2]. However, collection of the graft necessitates a second
surgical procedure and creates complications such as donor-site morbidity and potential fracture
risk [3]. Furthermore, clinical use of iliac bone for treatment of periodontal defects is limited
due to resorption at the defect site [4]. Clinically relevant autograft is collected from intraoral
cancellous bone and marrow. Intraoral bone grafts typically promote reliable new bone regeneration within the periodontal defects [5–7]. However, regeneration of the periodontal attachment
apparatus using intraoral grafts is not always predictable, suggesting that new bone formation
does not always result in periodontal regeneration [8]. The limited availability of autograft may
be circumvented by using a relatively small volume of graft to augment a synthetic bone graft
substitute.
B. Allograft
New bone formation in periodontal defects has also been stimulated with the use of donor bone.
Allograft provides an alternative to autograft as a source for osteoinductive bone [9], but the
allograft must be processed to reduce the risks of disease transmission. Furthermore, allograft
supply is not always adequate or may not be available when needed [10]. Clinical studies using
allograft bone to fill periodontal defects resulted in comparable new bone formation to defects
treated with autograft [11,12]. The ability to stimulate growth of new bone and regeneration of
periodontal tissues has been evaluated. Periodontal defects treated with demineralized, freezedried bone allograft (DMB) enabled new bone growth and periodontal attachment [13]. Regeneration of alveolar bone using DMB may be limited or unpredictable depending upon the size
of the defect site. Preclinical studies of large allogeneic cortical strips supported cementum
regeneration, but did not stimulate reliable bone formation in supra-alveolar periodontal defects
[14,15].
C. Xenograft
Large quantities of graft material have been produced from bovine-derived anorganic bone.
Xenograft promotes new bone growth at the defect site, but periodontal regeneration is limited.
A canine preclinical study demonstrated new bone formation, but the graft did not maintain
periodontal tissues [16]. Tissue responses in human trials have not been significantly improved
using xenogeneic materials. Periodontal tissue outcomes using xenograft in conjunction with
guided tissue regeneration (GTR) were not enhanced after 6 months in comparison to patients
treated with GTR alone [17]. The use of autograft and allograft materials is preferred for both
bone and periodontal regeneration versus xenogeneic sources.

III. CERAMICS
A. Hydroxyapatite
Calcium phosphate compounds with chemical formulas similar to inorganic bone have been
studied as defect fill materials. Hydroxyapatite (HA) may be of natural origin (coral derived)
or synthesized. These materials have demonstrated ability to form new alveolar bone in patients
with periodontal defects. Coral-derived and synthetic porous hydroxyapatite materials were
compared to debridement alone for bone repair. Percent bone fill and clinical attachment assessed
after 12 months demonstrated advantages using either hydroxyapatite material versus debridement alone [18]. However, recent clinical studies indicate that hydroxyapatite materials do not
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promote adequate periodontal regeneration. In a direct comparison between hydroxyapatite and
demineralized bone, patients treated with hydroxyapatite demonstrated increased probing depth
and decreased clinical attachment gain [19]. In addition, hydroxyapatite implants have been
associated with significant loss of alveolar bone and granulation tissue at the defect site [20].
B. Bioactive Glass
Bioactive ceramics have been produced as a synthetic graft replacement material intended to
promote new bone formation. Specifically, bioactive glass materials stimulate new bone formation at the implant–bone interface [21]. Preclinical studies demonstrated that bioactive glass
particles achieved reduction in probing depths and gain in clinical attachment versus open debridement treatments [22]. Although periodontal regeneration associated with bioactive glasses
was improved when compared to hydroxyapatite, this material still has limitations. A study of
bony defects treated with commercially available bioactive glass particles did not produce significant regeneration of cementum, periodontal ligament, or bone [23]. However, the biocompatibility and bone regenerative properties of bioactive glasses provide a useful material for treatment
of osseous periodontal defects.

IV. POLYMERIC BONE GRAFT SUBSTITUTES
A. Hard Tissue Replacement Polymer
Polymeric bone graft substitutes such as hard tissue replacement (HTR) polymer have been used
to fill periodontal defects. HTR polymers are prepared from a core of poly(methyl methacrylate)
and poly(hydroxy ethyl methacrylate) and a coating of calcium hydroxide. Defects treated with
this nonresorbable material have demonstrated clinical outcomes comparable to GTR techniques
[24]. A long-term clinical study evaluated probing depth and clinical attachment in maxillary
and mandibular furcations treated with HTR [25]. Clinical measures were again comparable to
results obtained from GTR treatment. These results indicate that HTR polymers may be used
as an alternative to bone graft for the treatment of similar defects.
B. Polylactide and Poly(Lactide-co-Glycolide)
Bioabsorbable polymers have advantages when compared to other nondegradable synthetic materials because a second surgical procedure is not required to remove the device. Membranes
consisting of homo- and copolymers of lactide and glycolide have been investigated for guided
tissue engineering applications [26]. The membranes stabilize the defect site, while permitting
regeneration of tissue. The ability to replace expanded polytetrafluoroethylene (ePTFE) barrier
membranes with polylactide (PLA) was tested in a class II furcation defect [27]. New alveolar
bone formation and periodontal regeneration were demonstrated in this case study. Clinical
results indicate that resorbable PLA barriers may be an attractive alternative to ePTFE for the
treatment of small osseous defects.
C. PPF-Based Bone Graft Substitutes
A new bone repair material based on the degradable polymer poly(propylene glycol-co-fumaric
acid) has also been investigated for the treatment of osseous periodontal defects. The bone repair
material was prepared by crosslinking unsaturated PPF in the presence of an osteoconductive
filler, hydroxyapatite, and effervescent agents [28]. The cured composite provides a porous
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structure that provides dimensional stability to defects and an osteoconductive scaffold for new
bone formation. Mixing osteoinductive cancellous autograft enhances bony ingrowth within
osseous defects with new bone formation evident within 7 days postoperatively [29]. The PPFbased bone graft subsitute has been evaluated for the treatment of periodontal defects based on
morphological, mechanical, and histomorphometric outcomes.
The primary goal of a bone graft material is to stabilize the periodontal defect, while
promoting recovery of native bone. Engineering porosity into the degradable construct enhances
cellular ingrowth and osteointegration within bone graft substitutes [28,30–32]. Average pore
sizes on the order of 150 to 500 m are desired for optimal bone cell ingrowth [33,34]. Bony
ingrowth enables integration of the synthetic material within host tissue and promotes replacement of the degrading material with native bone. Porosity and mechanical properties of PPF
composites as a function of material formulation were optimized for treatment of maxillofacial
and mandibular defects.
Formulation of the PPF-based bone graft substitutes enables easy application to osseous
defects. Mixing of PPF and crosslinkers creates a putty that may be applied to defect sites and
cured in situ. Viscosity of the resultant mixture permits injection through needles as small as
16 gauge. The set time of the material ranges from 1 to 10 min, during which time the material
expands to fill void spaces and may be molded or placed by the surgeon. The crosslinking
reaction is not highly exothermic, with temperatures between 37 and 40⬚C measured within the
curing graft substitute [35]. Highly exothermic reactions, such as those observed in PMMA bone
cements, have been associated with local tissue necrosis. The PPF-based bone graft substitute
approaches peak mechanical properties 18–24 h after application.
Developing porosity of the cured graft substitute has been used to promote osteointegration
and incorporation of the synthetic material. Engineered porosity of PPF-based bone graft substitutes has been created prior to implantation via a porogen leaching process. Controlled pore
sizes are prepared by leaching porogen materials (either gelatin microspheres or salt particles
like sodium chloride) from crosslinked PPF scaffolds [31,36]. Porous PPF scaffolds have also
been produced using calcium carbonate and tricalcium phosphate as porogen fillers [37]. These
techniques are useful in engineering porosity in the scaffold as a function of particulate size
and solubility.
Generation of pores during the curing process was used as a method to induce immediate
porosity and expansion of the graft substitute in situ. The addition of effervescent agents to the
formulation controls expansion of the test material during curing. Expansion enables the material
to intimately fill the defect site and creates pores that encourage tissue ingrowth. Porosity of
the cured PPF composites was analyzed by scanning electron microscopy (SEM) (Fig. 1). Tuning
the concentration of effervescent agents—sodium bicarbonate (SB) and citric acid (CA)—effectively controls the porosity of the cured test material yielding average pore sizes ranging from
50 to 500 m. Porosity of the bone graft substitute promotes osteointegration and new bone
formation within the graft substitute [38].
Porosity of the PPF-based bone graft substitute affects the mechanical integrity of the
material. Compressive mechanical properties were determined for highly porous, photocrosslinked PPF scaffolds [39]. Porosities greater than 80%, as produced by salt leaching, yielded a
compressive strength of 0.11 Ⳳ 0.02 MPa and an elastic modulus of 2.3 Ⳳ 0.5 MPa. The highly
porous scaffolds had mechanical properties less than the average value for cancellous bone.
Flexural properties of nonporous PPF and beta-tricalcium phosphate composite cylinders were
evaluated using four-point bending [40]. Bending strengths (4–17 MPa) and moduli (0.6–1.7
GPa) were consistent with trabecular bone. Design of these bone graft substitutes can balance
porosity and mechanical considerations for clinical applications.
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Figure 1 Scanning electron micrographs of XL-PPF bone graft substitute with an average pore size of
200 m. Nucleation of gas molecules within the curing PPF-based material results in controlled expansion
and creates porosity in situ.

Initial mechanical properties of porous PPF-based bone graft substitutes prepared with
effervescent agents are comparable to cancellous bone. Peak compressive forces were measured
through 12 weeks of in vitro degradation (Fig. 2). Initial compressive strengths of the bone
repair material (7.2 Ⳳ 3.4 MPa) are comparable to values for human cancellous bone tested
under similar conditions [41]. The average compressive strength of the PPF-based bone graft
substitute decreases approximately 30% during the first 3 weeks of degradation. Compressive
strengths averaged 5.5 MPa through 12 weeks of degradation. The porous bone graft substitute
is mechanically comparable to cancellous bone and may be used in conjunction with secondary
fixation devices in load-bearing applications. The pore size of the tested materials was on the
order desired for osteointegration (200–300 m), thereby addressing morphological and mechanical graft substitute design objectives.

V. MANDIBULAR RECONSTRUCTION: FEASIBILITY STUDY
The PPF-based bone graft substitute enabled repair of osseous defects as demonstrated in preclinical studies. In vivo analysis focused on the qualitative and semiquantitative assessment of
new bone formation within mandibular defects treated with PPF-based bone repair material. A
radiographic, histologic, and histomorphometric analysis was performed by comparing the various mixing ratios of the PPF-based repair material with autograft, demineralized bone, autograft
alone, and PPF alone. Clinical applications may require mixing of the bone graft repair material
with autograft to achieve an optimal relationship between shape and function of mandibular
reconstruction.
Investigation of grafts and bone substitutes in the mandible has been difficult in the past
because most mandibular defects heal spontaneously [42,43]. The animal model of Kaban and
Glowacki [44] was used, not only because it was convenient, but also because it was relevant
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Figure 2 Peak compressive strengths of crosslinked PPF bone graft substitutes following degradation in
vitro. Initial mechanical properties of the synthetic test material were comparable to cancellous bone.

(in no instance did the control defect heal). The hole was large (4 mm in diameter is a significant
defect for the ramus of a rat mandible) and of full thickness, with the periosteum totally disrupted
and not replaced. In this model, therefore, healing must be attributed to some effect of the
implant material. The study allowed comparative histologic and histomorphometric assessments
of the degradation and bone cell ingrowth.
A. Results of Histological and Histomorphometric Evaluation
Histologic analysis revealed superior healing of the mandibular defects with PPF-based bone
repair material when compared to the control defects, which were left empty. New bone formation, reported as the new bone volume index was more pronounced when the graft substitute
material was mixed with autograft (Table 1). However, there was no statistically significant
difference in the new bone volume index between the two experimental PPF groups mixed with
autograft. These results suggest that mixing the PPF-based bone graft substitute with a small
amount of autologous bone graft is just as effective as using higher amounts of cancellous
autograft for this limited rodent model.

Table 1 New Bone Volume Index for Each Implant Type
Based on 8 Rats per Group and 4 Weeks Postoperative
Follow-Up
Test material
PPF
DMB
Autograft
PPF/autograft (75/25)
PPF/autograft (25/75)
Empty control

New bone volume index
51 ⫾ 8
87 ⫾ 14
95 ⫾ 17
61 ⫾ 10
67 ⫾ 12
33 ⫾ 5
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Histologic analysis of the bone–implant interface demonstrated biocompatibility of the
PPF-based bone graft substitute. Inflammatory cells were only noted in the 1-week groups and
were not related to type of material used for mandibular reconstruction. Inflammatory infiltrates
were absent in all other groups evaluated at later postoperative follow up times. Results of this
study demonstrated both biocompatibility and osteoconductive properties of the porous PPFbased scaffold in a mandibular defect model. These findings have applicability to the further
development of bone repair material for reconstructive applications of the mandible.
B. Biomechanical Analysis of Defect Sites
Macroindentation testing was conducted to evaluate the stiffness of the test material–bone complex at 7 weeks postoperative. The stiffest materials were the positive controls (DMB and
autograft) as shown in Table 2. Both PPF and PPF/autograft with a mixing ratio of 25/75 were
stiffer than untreated defects. The stiffness of PPF/autograft at a low autograft mixing ratio (25/
75) was measured and found to be slightly less than untreated defects. Biomechanical results
were similar to the histomorphometric findings indicating that the bone–material composite
mechanical properties were related to new bone formation.

VI. CONCLUSIONS
Several materials have been tested for the treatment of osseous periodontal defects. Materials
have been evaluated based upon their ability to not only support bony recovery, but also periodontal regeneration. The ideal properties of a repair material for periodontal defects are biocompatibility, osteoconductivity, osteoinductivity, availability, resorbability, ability to stabilize the defect site under mechanical stresses, and ease of application. Although several of these properties
may be found in certain materials, it is difficult to find a material where all of these criteria are
satisfied. A new material based upon the resorbable polymer poly(propylene glycol-co-fumaric
acid) has been investigated for the treatment of periodontal defects. The PPF-based bone graft
substitute supported new bone formation in a mandibular defect model. The material is osteoconductive, but may be mixed with a relatively small percentage of autograft to enhance its bone
regenerative properties. Additional studies will be necessary to evaluate the PPF-based graft
substitute’s ability to support periodontal regeneration. However, the results indicate that the
PPF-based material may provide a new treatment method for oral, maxillofacial, and periodontal
defects.

Table 2 Stiffness of Test Material/Bone Complex
at 7 Weeks Postoperative
Test material
PPF
DMB
Autograft
PPF/autograft (75/25)
PPF/autograft (25/75)
Empty control

Stiffness (N/mm)
99 ⫾ 6
176 ⫾ 40
126 ⫾ 39
54 ⫾ 34
102 ⫾ 24
80 ⫾ 20
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I. INTRODUCTION
Bone grafting and joint replacement are important areas in orthopedic research because of the
necessity for both methods in treating animal and human orthopedic problems [1]. A recent
review of bioactive ceramics reported that 1,230,000 fractures were treated with osteosynthesis
materials in the United States in 1988. The basic philosophy in that chapter was to address the
effect of synthetic graft materials on bone tissue formation and bone cell function, not on the
problems of bone replacement on guided bone regeneration where function is maintained to
provide clinical success. This philosophy in the materials community has encouraged the use
of resorbable materials and the study of particulate materials in cancellous bone, and resulted
in the identification of bulk or particulate calcium phosphates ceramics and glasses as bioconductive, not bioinductive [2–4]. Only recently have some materials scientists realized that osteoinductive performance is possible [5–7], although a few have reported such behavior earlier [8,9].
Most materials evaluations, however, continue the basic philosophy to the present [10,11].
Current research includes new materials and new designs in tremendous variety, usually
aimed at either replacing tissue to achieve repair, at controlling tissue response, or at avoiding
existing mechanisms of failure [1]. Existing research spans possible approaches from the theoretical mechanics to the cellular level to actual clinical practice. In that research there are always
underlying hypotheses about what is important in repairing the skeleton. These are usually not
tied directly to clinical trials but to the understanding of the area in which the hypothesis is
generated. For example, the cell biologists might ask what are the fundamental processes that
control cellular response and how can they be manipulated?. The engineer in continuum mechanics might ask what is the stress distribution in the tissue around the implant and how can the
geometry or the materials properties be manipulated to ensure the tissue will respond favorably
to the stress. And the materials scientists might ask what new material will enhance tissue
regeneration to achieve bonding. Unfortunately, without benefit of clinical trials many hypotheses can be produced and evaluated that do not actually apply to clinical success. This
chapter is an attempt to show how clinical evaluation can give insight into the confrontation of
theory with practice, with emphasis on biologically active materials. It is based on over 30 years
195
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experience with biologically active ceramic materials for load-bearing applications in dental and
orthopedic repair. The ultimate goal is to produce an artificial material and design such that
tissue will be regenerated in such a way that it will remain normally healthy for the life of the
patient. While the number of hypotheses is enormous, certain hypotheses are common to many
of the research areas. Some will be discussed below.
II. FOUR BONE REPAIR HYPOTHESES
A. H1: Bone Will Bond to Porous Implants and Infiltrate Them
This is currently popular with repliform structure of other species; rapid prototype forming of
implant structures, usually based on hydroxyapatite (HA), fluoroapatite (FA), tricalcium phosphate (TCP), or mixtures thereof; and pores produced by introducing gases or by fugitive phases
in producing the implant [12].
This hypothesis is reinforced by in vitro experiments with cellular growth, often with
morphologic components, where osteoblasts often are shown to deposit and grow on materials,
including polymers, metals, and ceramics. Unfortunately, when conditions are right for osteoblast
proliferation, unless there are toxic reactions from the substrate, such cell growth usually occurs
[13,14]. Based on results of such an experiment the scientist may even conclude that Wolff’s
law has been repealed [15,16].
Early support of the hypothesis was given by Hulburt et al. through in vivo experiments
in which they reported that Haversian systems would grow into large pores, and that 200-m
or larger pores should be present for this to occur [17].
There are three problems with this hypothesis [18]:
1. Bone does not grow into interconnected pores because:
Interconnected pores may have connections less than 100 m. The labyrinth nature
of such pores do not lend themselves to complete filling.
Bone grows in response to physical stress. Microstrain is needed to maintain bone,
and remodeling is continuous in response to stress. The stress shielding of the
matrix of a body, as strong and stiff as bone in its porous condition, prevents
bony ingrowth throughout because the interior bone is not stressed. If the porous
body is not as strong and stiff as bone, then macrostrain may occur, and bone
cannot form under macrostrain conditions.
Unfilled pores are ideal for the proliferation of bacteria. They are not accessible to
the usual defense mechanisms. They constitute a biohazard to the possibility of
deep infections.
2. Each part of the body has a blood supply system of a particular structure. If the pores
do not allow the same structure, then healthy bone is not to be expected. That structure
is oriented to stress, not random.
3. Pores weaken structure. Porous metals, such as Ta foam, cannot support load. Porous
ceramics become very weak because the pores act as critical flaws. Porous polymers
have low strength and modulus. None are suitable as load-bearing structures because
of the size and volume of the pores that are required.
B. H2: Resorbable Materials Are Needed to Serve as a Scaffold to Guide
Bone to Repair Itself
This hypothesis is reinforced by in vitro experiments in which soluble, biocompatible polymers
serve as a scaffold for osteoblast generation and by in vivo experiments in which trabecular
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bone infiltrates a scaffold area more rapidly than for the control. It is also reinforced by the use
of calcium phosphate structures or granules in which the same phenomenon occurs. The rates
are enhanced when osteogenic factors are also included.
The idea is not new. Graves et al., in 1971, proposed calcium aluminates could act to
enhance bone regeneration as they simultaneously dissolved and supported bone [19]. They
conducted in vivo experiments that appeared positive in the short term.
Unfortunately it is almost impossible for a load-bearing resorbable material to function
in a general way in vivo. The rate of resorbtion depends upon the tissue, and response varies
greatly. And to support load the tissue must have strength at the resorbtion interface, and that
interface must be strong enough to support the load. The problem of maintaining a strong bond
at the same time the scaffold is being resorbed seems insurmountable. That is the reason that
bioglasses have never been successful in load-bearing situations. The surface silica gel transition
zone is too weak to maintain a functional bond and is subject to catastrophic failure.
Bone never repairs itself under macrostrain conditions. So bone grafts must be stabilized
with plates, screws, wires, nails, or casts to allow the bone to repair. The problem, then, is to
transfer the load from the scaffold structure to the bone under conditions that resorb the scaffold,
an impossible task.
C. H3: The Modulus of Elasticity of an Implant, or an Appliance, Must Be
the Same as That of Bone
This hypothesis is supported by observations that metal femoral components, that are much
stiffer than bone, often have weak bone support in the proximal medial location [20]. The stiff
femoral stem is often supported by trabecular bone at the distal apex; so that the bone in the
proximal medial location may not receive enough stress to be strong and healthy. (Stress shielding
has occurred and is responsible for local resorbtion and subsequent loosening of the stem.) If
there were a bond between the stem and the bone, shearing stresses would occur, and this would
prevent the weakness. Stepped geometry, attached metal spheres or mesh, roughened surfaces,
and calcium phosphate coatings have been used to try to correct this. However, if the implant
had the same elastic properties as bone, both it and the bone would be stressed the same and
stress shielding would not occur.
This hypothesis is especially appealing to those representing bone structures and implants
with continuum mechanics theories. There are alternative hypotheses. For example, appliances
cemented with PMMA cement have inhibited blood supply, and this could be responsible for
the weak bone in that location. Mammalian skeletons have low modulus cartilage, trabecular
bone, and cortical bone in series at the joints of all long bones. Yet the difference in elastic
modulus is accommodated by tissue response and structure. Because tissue with a healthy blood
supply responds to stress level and orientation there is the possibility that a stiffer implant can
be accommodated. A lower stiffness may lead to macrostrain and failure. Orthopedic surgeons
are familiar with trabecular bone surrounding bone screws in the medullary cavity of long bones
where the trabeculae are oriented to lines of stress produced by the loads carried by the bone
screws.
D. H4: Prevention of a Foreign Body Response Can Be Achieved Using
Calcium Phosphates as the Tissue Contact Material
This hypothesis is the basis for much research on calcium phosphates in crystalline forms and
amorphous forms such as bioglasses [1]. Most, but not all, authors agree that the current metals,
polymers, and ceramics used in joint replacement are walled off by the foreign body defense
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mechanism of the body to produce a thin fibrous capsule. This prevents a direct bond between
the implant and the tissue. When the capsule is thin and threads, holes, or other anchoring shapes
are provided, the mechanical fixation has been effective in stabilizing the implants. They are
often described as exhibiting osteointegration to indicate that functional anchoring has been
achieved.
A fibrous capsule is not as rigid as bone, so the capsule thickness is important. The amount
of relative motion depends on the capsule thickness and geometry. If the motion is excessive,
bone resorbtion can occur. This results in a progressively thicker capsule and has been identified
as a mechanism of failure.
Demineralized tissue sections can be used to examine the tissue–implant interface if the
implant can be demineralized enough to allow microtoming. It is generally agreed that the
calcium phosphates of Ca/P ratio between 1.0 and 2.0 do not have a fibrous capsule. Composites
and bioglasses can be difficult to evaluate. Many authors have reported excellent tissue compatibility when the local tissue chemistry is dominated by calcium phosphates. Tissue compatibility
must be combined with tissue attachment for this approach to be successful unless the calcium
phosphates can be used to cause tissue regeneration under load-bearing conditions.
Unfortunately the bulk calcium phosphates do not have enduring strength, even when
prestressed with metals [21]. They must be combined with other materials in such a way that
the calcium phosphates control the local tissue chemistry; but a second phase, or some other
mechanism, is used to provide enduring strength. We have discovered a way to provide enduring
strength and a way of inducing regeneration of tissue.

III. TWO GUIDED-REGENERATION EXPERIMENTS
Two experimental guided-regeneration techniques will be described. The first is a conventional
bone graft of special geometry made from the ISU Osteoceramic composite. The geometry
includes grooves for guiding the regeneration of the cortex, where the tissue supports the implant.
The second method uses an intermedullary tubular guide to induce diaphysis regeneration across
a supercritical ostectomy. First the osteoceramic will be described, followed by the two guidedregeneration experiments.
A. The Osteoceramic
The Osteoceramic combines 50 vol% of tricalcium phosphate with 50 vol% of a strong, inert
ceramic, magnesium aluminate spinel [22]. The calcium phosphate gives the implant biological
activity and the spinel provides strength. The calcium phosphate component induces bone regeneration, causing the bone to repair itself. The Ca/P ratio for these experiments was similar to
the 1.62 ratio of natural bone. The flaw size in the strong, spinel skeleton of the Osteoceramic
is controlled by the size of the calcium phosphate grains as first produced. After dissolution of
surface calcium phosphate, the flaw size is unaltered so the Osteoceramic has enduring strength.
This is necessary for permanent bone grafts.
The Osteoceramic has the properties shown in Table 1 when fired to maturity at 1450⬚C.
It is a classically brittle material.
The structure of the Osteoceramic after firing to 1450⬚C is like that of a sponge. The
skeleton of the sponge is interconnected spinel. The holes are filled with interconnected calcium
phosphate (Figs. 1–3). The local chemistry at the tissue implant is dominated by the calcium
phosphate because the spinel is insoluble. The high solubility of the calcium phosphate in
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Table 1 Properties of the Composite
Composition:
Compressive strength
Tensile strength
Young’s modulus
Reversible thermal expansion
Bulk density
True density
Ca/P ratio

␣Ca3(PO4)2 and MgAl2O4
199 MPa
70 MPa
114 GPa
10.7⫻10⫺6/°C
3.09 gm/cc
3.37 gm/cc
1.62

the implant provides a reservoir as a source of calcium and phosphorous for hydroxyapatite
formation.
The composite is manufactured from finely powdered tricalcium phosphate and magnesium-aluminate spinel. The powders are mixed with dispersants and organic binders and formed
into suitable shapes by extrusion, casting, or pressing.
B. Guided Bone Replacement
This experiment has been reported in more detail previously [23,24]. This presentation provides
additional understanding of the results that were obtained after the death of the dog from natural
causes. The implant was made to comply with the considerations discussed above as an Osteoceramic tubular cylinder with end notches for tissue attachment, longitudinal grooves to induce
critical bone regeneration across the implant, and holes connecting the grooves to the medullary
cavity for blood supply to bone induced to grow in the grooves (Fig. 4). No open pores were
present for tissue attachment. Instead, the dove-tailed end notches were large enough to be filled
with bone and with normal endosteal and periosteal blood supply to form and maintain bone

Figure 1 Energy dispersive x-ray map of the polished Osteoceramic showing the Ca and P phase separated
from the Mg and Al phase.
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Figure 2 Surface of the Osteoceramic polished to produce relief of the hard, fine-grained MgAl2O4
relative to the soft larger Ca3PO4 grains.

Figure 3 Structure of the spinel skeleton when the Ca3PO4 is removed with EDTA.

Guided Diaphysis Regeneration

201

Figure 4 Geometry of a guided bone replacement implant showing the external longitudinal grooves for
guiding the cortex and the radial holes for blood vessels from the medullary supply.

in the notches. After dissolution of calcium phosphate at the surface the pores in the spinel are
the same size as the dissolved calcium phosphate. They are smaller than 100 m so Haversian
systems cannot grow into them. However, calcium phosphates could be deposited at the surface
by osteoblast activity.
The longitudinal grooves are provided to guide cortical bone to regenerate across the
implant. If this is successful, and a blood supply is encouraged by the regeneration grooves,
then cortical bone strong enough to surround and support the implant should be possible. These
experiments were conducted to test the hypotheses that tissue attachment could be achieved and
that the grooves would guide the regeneration process.
1. Experimental Evaluation
Seven implants with variation in wall thickness, size of the end notches, size of the longitudinal
grooves, and placement of the radial holes were implanted. The number of notches was set
arbitrarily at six, enough so that random orientation would provide fixation for bending forces
(Table 2).
Surgical Procedure. One implant was placed in one femur of each mongrel dog. (The
surgical procedure was conducted in accordance with the federal Animal Welfare Act. The
procedures, and the justification for the research, were approved by the Iowa State University
Committee on Animal Care.)
After sedation, preparation and exposure of the femur, the surgeon contoured a compression bone plate to the femur, removed a section with a reciprocating saw and fastened the implant
in place using bone screws to hold the compression plate axially against the implant (Fig. 5).
Circlage wire was used to attach the implant to the bone plate. One method was to pass
a single wire through the axial holes at the center of the implant, bending it around the bone
plate and twisting the wire tight enough to stabilize the implant without breaking it. A second
way was to circle the implant and the plate with the wire and twist it to stabilize the wire. The
third method was to use two circling wires, placed at about one-third of the length from each
end. Sixteen-gauge and eighteen-gauge wires were used. The stiffer wire was more difficult to
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Table 2 Dimensions of the Bone Bridges

Dog
number
1
2
3
4
5
6
7

Implant
length
(mm)

Inside
diameter
(mm)

Outside
diameter
(mm)

Outside
tenon
width
(mm)

27.10
27.05
26.95
26.25
27.35
23.55
24.25

6.80
10.15
6.65
8.85
5.45
5.70
10.20

16.70
15.70
16.60
16.70
16.75
16.95
16.75

5.7
2.5
6.4
6.5
5.1
6.7
6.0

Inside
tenon
width
(mm)

Dovetail
slot
width
(mm)

1.2
1.9
2.1
3.2
.8
2.0
3.6

2.6
2.4
2.6
2.1
2.9
2.2
2.5

Transverse
hole width
(mm)
(d1)

(d2)

Dovetail
slot depth
(mm)

1.7

3.4
1.8
2.2
1.9
1.6
2.0
2.0

3.6
3.8
5.0
3.5
5.5
3.3
3.1

1.6

Figure 5 Surgical stabilization of a segmental replacement for guided regeneration of the cortex.
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use. Some implants were broken during stabilization and discarded. Some implants broke up
after implanting, probably the result of undetected cracking during stabilization. The thin-walled
implants were more fragile, and fewer survived the preparation process. The dimensions of the
implants actually implanted are those shown in Table 2. Dog data are included in Table 3.
2. Histology
The spinel component of the implants cannot be demineralized so the histology was based on
optical microscopy, macroradiography, and microradiography of sections impregnated with a
low-viscosity resin. Specimens were dehydrated with a series of ethanol solutions starting with
70% ethanol and continuing with replacements of higher concentrations until two 24-h periods
of 100% ethanol were completed. The ethanol was replaced with acetone for two 24-h periods.
Fifty percent of acetone and a low-viscosity resin was agitated for 48 hours, followed by 100%
of the resin with agitation and a vacuum for 48 h to boil off any residual acetone. The resin
was cured at 60⬚C overnight. A low-speed diamond saw was used to cut axial and transverse
sections. The microradiographs were made from selected 300-m sections.
3. Results
One or two wires encircling the implant were less effective in inhibiting axial motion of the
implant than a single wire threaded through the holes at the root of the grooves. The thinner
wire conformed well to the implant and plate, and was less likely to cause implant fracture
during stabilization. In every procedure the contact plane of the implant and the contact plane
of the bone plate were in alignment laterally. The medial alignment depended on the diameter
of the bone and the diameter of the implant. Usually there was some mismatch medially. In the
case of dog 2, with a small implant wall thickness, the mismatch was excessive and bone formed
inside of the implant. Implant 7 fractured after 3 weeks and the experiment was terminated.
Implants 2, 3, and 5 showed some cracking of portions of the implants, but the histology showed
encapsulation of the fragments. Good bonding of implants 4 and 6 occurred (Figs. 6 and
Fig. 7).
All the implants were placed in 1990 or 1991, and histological analysis was obtained for
the dogs as shown in Table 3. Only one of these dogs was not sacrificed. Dog 1 was purchased
by CEO and lived the active life of a farm dog until he died of abdominal tumors in December
2001. His age at the beginning of the experiment was unknown, but the pathologist concluded
the death was normal for a dog over 12 years old. Both femurs were recovered. Macroradiographs
and CAT scans were obtained. (Fig. 8)

Table 3 Dog Weight, Sex, and Implantation Period
Dog
number
1
2
3
4
5
6
7

Weight

Sex

Implantation
period

(pounds)
60
45
55
65
65
60
55

M
F
M
F
F
F
M

(months)
137
9
71/2
7
6
4
3
/4
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Figure 6 Microradiograph of a longitudinal section from dog 4 at 7 months showing tissue attachment.

The radiographs of the recovered femurs show enlargement of the operated limb consistent
with the dimensions in Table 3. The circlage wire was clipped when the bone plate was removed
in 1991, and one end projected beyond the external surface. The new bone has contours and
structure consistent with the requirements of the femur of an active dog. (Force plate measurements in 2000 showed no significant difference between the two hind limbs.)
The CAT scans in Fig. 8 give a better understanding of the structural changes. Above and
below the implant the cross-section of the bone shows somewhat hexagonal symmetry that
registers with that of the end notches (8A,G). Trabecular bone appears in the end notches (8B,F).
The regeneration grooves contain oriented trabecular bone (8C,E), and the center scan shows
that the wire protrudes on one side (8D). A new cortex has formed to surround the implant. It
deviates away from the implant at the center wire on the side from which it protrudes. Elsewhere
the new cortex is integrated with the trabecular bone in the regeneration grooves and is close
to the external surface of the implant. The regeneration grooves provide an endosteal blood
supply to the new cortex.

Figure 7 Microradiograph of a transverse section from dog 4 at 7 months showing trabecular bone in
the holes connecting the grooves to the medullary cavity (enlarged 100%).
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Figure 8 CAT scan of the segmental bone replacement femur. Distal to proximal. (Left) implant femur;
(Right) contralateral femur.

The thickness of the new cortex is only about 50% of that in the contralateral limb (8D).
The trabecular bone and implant support structure in conjunction with the new cortex is such
that the combined structure is sufficient for the loads and forces imposed on the limb by an
active dog. Guided regeneration is believed to be necessary for the bone replacement implant
to be successful.
C. Guided Diaphysis Regeneration
1. Introduction
The bone replacement experiments, first with porous implants to achieve implant attachment
and then with the longitudinal grooves to guide regeneration, described above, led to a new
approach to diaphysis regeneration [25]. The porous implant experiments showed attachment
to the surface pores, but there was not strong bone in all the pores to reinforce the brittle calcium
phosphate/spinel ceramic. The ceramic strength was greatly reduced by the pores, and the implant
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failed when subjected to normal loading. In the bone replacement experiment the grooves guided
regeneration of stable implants. One oversize, unstable implant regenerated in the medullary
cavity, although the ostectomy was not supercritical in length. The regenerated bone was small
in diameter, so it would not have been strong enough for normal loading if the bone plate
were removed. Considering our evaluation of the four hypotheses, guided regeneration, with an
intramedullary guide was based on (H1) nonporous implants, (H2) nonresorbable but bioactive
material, (H3) an unloaded guide so that the elastic modulus was unimportant, and (H4) a
tricalcium phosphate guide to accelerate bone recovery. Additional considerations were nonstabilization of the guide to prevent tissue attachment (loose in the medullary cavity), annular spacing
between the guide and the endosteum to allow space for vascularization of the endosteum, and
a physical barrier to cortical closure.
2. Experimental Procedure
Guide Manufacture. The raw materials for the Osteoceramic were weighed, mixed,
and ground as powders by wet ball milling. The slurry was dewatered by filtering to a plastic
consistency. Bubbles were removed with a weak vacuum (27 Torr), and the paste was extruded
to produce the thin-walled tubes [2]. These were dried and fired to 1450⬚C.
Surgical Procedure. The dogs were mongrels of unknown age, seven males and five
females. (The surgical procedure was conducted in accordance with the federal Animal Welfare
Act. The procedures, and the justification for the research, were approved by the Iowa State
University Committee on Animal Care.)
Anesthesia was induced with intravenous thiopentothal and maintained with halothane.
The rear quarter was clipped and prepped with four alternate scrubs of chorohexadine and 70%
alcohol. A 5-min chlorohexadine scrub followed. The leg was draped and covered with a sterile
stockinet.
The skin was incised along the cranial border of the biceps femoris from the greater
trocanther to the proximal patella. The skin was sutured to the stockinet with 2-0 monofilament
nylon. The margins were retracted and the fascia lattus incised along the cranial border of the
biceps femoris directly below the skin incision. The biceps femoris was retracted caudally and
the vastus laterlis cranially to expose the femur shaft. The vastus intermedius was retracted from
the cranial surface of the shaft. An eight-hole, 316L, AO/ASIF lengthening plate was contoured
to the lateral femur and placed in position as a guide. The proximal and distal holes nearest the
midshaft were used as a guide to drill lateral-medial bone screw pilot holes; and the plate was
set aside.
A section of the adductor muscles was elevated away at midshaft, and the vastus intermedius was retracted from the cranial surface. Two transverse osteotomies, each approximately 20
mm from midshaft, were made using an oscillating saw. The midshaft bone section was measured
to select an implant of the correct outside diameter and length to serve as a guide. With the
bone and guide in alignment four 4.5-mm D bone screws were placed on each side of the
implant. Each screw hole was drilled, measured to ensure both cortices were engaged, and tapped
before placement. They were in a neutral position in the bone plate holes. The area was irrigated
with saline. Marrow was removed from the ostectomy and smeared, cranially, on the implant.
Closure included 0 monofilament polyglyconate sutures to unite the fascia lata to the
cranial border of the biceps, 2-0 monofilament polyglyconate for subcuterous tissue and fascia
followed by 2-0 surgical steel to appose the skin. The limbs were radiographed postoperatively
and at about 1- or 2- month intervals thereafter.
Three controls received identical treatment but did not include an implant or marrow
smear. In general the dogs recovered normally, with partial weight bearing at 1 week and full
weight bearing at 3 weeks.
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Table 4 Canine, Guide Tube, Ostectomy, and Lengthening Plate Information
Dog

Number
246
256
322
408
406
619
709
924
790

Ostectomy

Weight Sex
(lbs) (mm)
60
65
110
65
65
65
70
65
60

F
F
M
F
F
M
F
F
M

Length
(mm)
40.0
40.1
55.4
36.8
36.0
43.1
48.1
47.6
43.7

Implant

Outside
Inside
diameter
diameter
cranial
cranial
caudal (mm)2 caudal (mm)2
18.1
16.3
25.1
16.3
18.2
18.0
15.8
16.7
15.2

11.1
10.5
18.7
9.4
12.9
13.1
9.3
13.1
10.0

Length
(mm)
52.6
52.0
62.4
47.6
(Control)
54.8
55.6
(Control)
(Control)

Bone
Inside
Outside plate
diameter diameter length
(mm)
(mm)
(mm)
4.2
3.7
3.4
3.6

7.3
7.3
6.7
6.0

3.7
3.7

7.7
7.5

50
50
60
50
50
50
50
50
50

3. Results
Measurements of the implants and the ostectomy were taken at the time of implantation (Table
4). Additional measurements of the annular spacing were taken from postoperative radiographs
and from microradiographs. The best estimates of annular spacing and the success in inducing
guided regeneration are shown in Table 5. The annular spacing of dog 322 was so large that
bone chips from the ostectomy were placed in the annular space to inhibit movement of the
distal end. Four of the six dogs with intramedullary guides produced induced regeneration (dogs
246, 322, 408, and 709). The sequence of regeneration is shown for dog 709 in Fig. 9. In Dr.
Wagner’s opinion the regenerated bone became strong enough to support load for the four dogs.
The plate and screws were removed from dog 408 at 9 months, from dog 709 at 7 months, and
from dog 322 at 9 months. These dogs were active after recovery and additional remodeling
took place. This is shown in Fig. 9. Compare D and E with F and G. The regenerated bone for
dog 322 deviated medially and posterioraly from axial symmetry, possibly influenced by the
annular bone chips. They were resorbed in about 8 months (Fig. 10, top). As the mineralization
became more complete the regenerated bone resorbed and rebuilt to become more nearly axial,
almost enclosing the implant when the experiment was terminated at 11 months (Fig. 10,
bottom).

Table 5 Effect of Annular Spacing on Bone Regeneration
Dog no.
246
256
322
408
619
709

Average annular
spacing (mm)

Average Endosteal
diameter (mm)

Percent of
endosteal diameter

Result

2.35
1.40
6.35
3.05
2.25
2.20

11.0
10.5
18.7
13.6
13.1
9.8

21.4
13.3
34.0
23.4
17.1
22.4

Induced regeneration
Bonded to implant
Induced but distorted
Induced regeneration
Bonded
Induced regeneration
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Figure 9 Dog 709 microradiographs (A–G) and microradiograph after recovery (H). (A) Postoperative;
(B) 3 months; (C) 5 months; (D,E) 7 months immediately after removal of the plate and screws; (F,G) 11
months; and (H) ML section showing some transfer of load to the implant by trabecular bone.

Bone bonded to the intermedullary guides for dogs 256 and 619. This was not apparent
until histological results became available. Thinking that the flexure of the bone plate was
insufficient, two screws were removed from each end of the plates for dog 256 at 6 months and
for dog 619 at 41⁄2 months (Fig. 11). The implant fractured for dog 619 at 9 months.
None of the controls developed union (Fig. 12). During the removal of the bone plate,
and after sectioning the mounted specimens for microradiographs, some guides cracked. This
is usually an artifact, but some also cracked during the experiment, such as the implant in dog
406 (Fig. 6). Some of the microradiographs showed cracks that were obviously artifacts because
of their position in relation to the surrounding tissue.
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Figure 10 (Top) Dog 322 at 4 months showing deviation of regenerated bone and residue of bone chips
at the distal medullary space. (Bottom) Dog 322 at 17 months showing remodeling after removal of the
bone plate.

Figure 11 (Top) Dog 256 at 6 months, immediately after removing two bone screws at each end. (Middle)
Dog 256 at 9 months, after removal of the bone screws showing additional regeneration. (Bottom) Dog
256 at 9 months microradiograph of longitudinal histological section.
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Figure 12 Dog 790, at control, at 8 months microradiograph of longitudinal section

4. Discussion
In four of the six experiments guided regeneration occurred. The bone plates were removed
from three, and the regenerated bone supported normal activity of the dogs. The successful
guiding functions of dogs 246, 408, and 709 had annular spacings of 21.4, 23.4, and 22.4%,
respectively. Successful regeneration also occurred for dog 322, but the new bone deviated from
axial orientation medially and, somewhat posteriorly, in the direction of the largest annular bone
chips. The annular spacing was 34% of the endosteal diameter, and the mineralized bone that
deviated from axial orientation contained shear lines (Fig. 10, top).
Two dogs did not have regenerated tissue but had tissue bonding to the ends of the guides,
and the guide was carrying load. One of these, dog 256, had an annular spacing for a centered
implant that was only 1.4 mm, or 13.3% of the endosteal diameter (Table 5). Removing half
of the bone screws induced additional regeneration (Fig. 11).
The annular spacing for dog 619 was 17.1%, and bonding occurred at each end. When
this implant was put in place the distal end was very close to the lateral bone plate and against
a bone screw. The proximal end was against the medial endostéum. The implant was not centered.
This appears to be the primary reason the bone bonded to the implant. The implant was supporting
load at those locations. That would add to the stiffness of the bone and plate assembly and
reduce the necessity for regeneration. Removing half of the bone screws did not cause bone to
span the ostectomy medially. The implant shattered some time after the screws were removed
and the implant became load bearing without the support of the distal screw. It appears that too
little annular spacing encourages tissue bonding rather than regeneration, and that too much
may allow surrounding tissue to force the regenerating bone away from the axis.
The regenerating tissue always began medially, and mineralization occurred very quickly.
In each case the first radiograph after the surgery showed mineralization completely spanning
the ostectomy which was more than two times the outside diameter. First radiographs were at
36, 33, 38, and 51 days for dogs 246, 322, 408, and 709, respectively. The very rigid bone
plates with four screws did not allow much flexure. But bending of the bone and plate assembly
would cause more strain (deflection) medially than laterally. It appears that the rigid plate was
sufficiently stable for regeneration of proximal and distal bone, but that sufficient strain occurred
to enhance mineralization medially.
The guides were placed as tubes with thin walls to allow normal medullary processes
inside the tube. They are inherently brittle, and fracture occurred in some situations. Increasing
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the wall thickness would increase the strength and inhibit cracking. However, the guides are
not intended to carry load and proper placement may prevent cracking if tissue bonding can be
avoided.
Future experiments might be conducted with resorbable sutures around each end to control
centricity. Intramedullary nails might also be considered for stabilization with the tubes centered
on the nails.
The rapid regeneration achieved here indicates the calcium phosphate–containing guides
may induce bone regeneration. After regeneration the osteoceramic guides would remain permanently in the medullary cavity. The consequences of this are unknown.
5. Conclusion
These preliminary experiments indicate that guided diaphysis regeneration is possible for bone
replacement and for intermedullary guides. This offers the possibility to use an inorganic material
to replace bone grafting in some surgical situations. The important requirements are believed
to be (1) calcium phosphate chemistry; (2) stabilized proximal and distal bone; (3) annular space
or grooves for vascularization of the endosteum; (4) a physical barrier to prevent periosteal
closure; and (5) freedom for the implant to move when tissue attachment is not desired. The
results do not conflict with these requirements. Further research is needed to test them adequately
and to determine if practical guided regeneration is a good surgical procedure.
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I. INTRODUCTION
Today the use of bioresorbable biomaterials in skeletal fixation is in a process of a major
evolution in the application and understanding of all fixation devices [1]. The advances made
in the last decade made the utility and applications in the clinical situations possible. Skeletal
fixation is an essential element in the stabilization of the different components of any bony
system. This shift in the evolutionary status away from the use of metallic implants, particularly
in infants and in children, toward bioresorbable material in all applications in the craniofacial
skeleton and in all age groups is to be noted as an advancement in technology [2]. The metallic
implants, once popular in a wide variety of uses in the 1980s, are falling to the wayside as the
application and sophistication of resorbable components become more accepted by practicing
surgeons, particularly for all components of the craniofacial skeleton. Notable is the increased
safety to patients due to avoiding the need for a second operation to remove these implants and
the avoidance of passive internal migration and growth disturbances, particularly in children
[3]. These bioresorbable implants are also invisible on radiographic analysis, thus making their
use in oncological clinical situations an added advantage.

II. BIOMATERIAL
The introduction and use of the polylactide and its different components as a resorbable biomaterial for sutures in the middle 1960s, followed by its extensive use for many other applications
and high standard of safety throughout, led to the main impetus for basic research scientists and
technology engineers to develop resorbable fixation devices for use in the craniofacial skeleton
[4]. The basis of the standard units is poly(lactic acid), (PLA) in its levo and dextro forms to
produce the desired form and shape needed as a copolymer of the biomaterial to be used in the
craniofacial skeleton. Interest in widening applications has been mounting so as to improve the
clinical applications of the bioresorbable material. Many laboratories around the world have
been looking into changing the chemistry and producing different combinations to produce a
compounded biomaterial that is used in skeletal fixation of the craniofacial skeleton. These
different combinations being produced are made so as to vary the two different characteristics
213

214

Habal

of the produced biomaterial, that is, longevity versus strength. These will be the basis of all the
materials systems today marketed for use by surgeons [5].
There were many questions that had arisen regarding the validity and the side effects of
the widely practiced applications of metallic implants to stabilize the craniofacial skeleton. The
polylactides’ base and molecular weight are the basis of all the copolymers used in the skeletal
fixation systems. The key issue is to understand the longevity and mechanical strength expressed
in shear pressure at different parts of the skeleton, for the skeletal fixation components that are
used. The craniofacial skeleton has two units; static nonmovable units such as the orbitocranium
and constantly moving units such as the jaws. Both the static components on the nonmovable
parts such as the cranium and the dynamic parts that are in constant motion such as the mandible
have different biology that must be understood to develop fixation systems, particularly the
requirement of shear stress for the needed biomaterial [6].

III. BACKGROUND
The interest in skeletal fixation to produce the required stability for the healing process needed
for the craniofacial skeleton started after World War I, although scattered reports for such
stabilization systems were noted many years before the war in the literature. World War II
brought importance of this need to the forefront as some of the wounded needed their face
worked on after multiple injuries during their rehabilitation. It was no longer accepted to have
a deformed face or a functional derangement that could be repaired by the practicing surgeon
if the appropriate technologies were available. That is the start of the collaboration between the
industry and clinicians to achieve the best outcome for patients [7].
The first stage in the evolution process involved just manipulation to place the craniofacial
structures together; with it some techniques were developed that were still practiced by some
surgeons until a few years ago. Early fixation approaches of such structures collapsed into a
nonfunctional position and needed secondary and maybe tertiary repair afterward. The instability
was the result of the myofunctional components of the facial skeleton. The muscle pull on the
unstable bones caused the bones to shift. The craniofacial bones are membranous bones, and
their healing is devoid of the presence of a callous formation as in long bones.
The second stage involved the use of an external fixator apparatus for the repair. That
initially gave superior results to the previously practiced repair. However, after the external
fixator in the form of an external apparatus was removed, the patients’ repaired segments collapsed. The relapse was due to a similar process related to stability without the presence of a
primary healing in these components that are either fractured or osteotomies.
The third stage involved the use of wire fixation, which set the stage for the use of the
metallic implant systems that were the predecessors of the resorbable plating systems in use
today. Their evolution was progressing slowly since World War II. Wars bring about many
casualties and the rehabilitation of such patients spill over to the activities in the civilian population.

IV. SAFETY FACTORS
The application of biomaterials in the biologic system is always associated with major questions:
are these biomaterials safe to use or are they harmful to the individual patient? Also, are there
any by-products that are harmful to patients under any circumstance? Around the safety issue
came the fundamental focus of the major function of the Food and Drug Administration (FDA)
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and its similar administration in Europe. These scientist panels look at all the biomaterials that
are to be used [8]. The scientific study of the efficacy and the animal studies that are required
before the premarket studies (PMS) are designed to collect data from clinical applications over
a period of time. The data are analyzed and if the biomaterial is found to be safe and efficacious,
then it is released in the marketplace, in this situation the doctors’ offices and hospitals. Thus
all the biomaterials referred to have passed through that process, and their final applications is
the focus of the following discussions in this chapter.

V. BIORESOBABLE SYSTEMS
A. Historical Perspectives
A review of the history of skeletal fixation is helpful to the understanding of the situations in
which we work today. Skeletal fixation in the craniofacial region has gone through many advances in the past few decades. Most of these advances have followed major international
conflicts involving the complex treatment of large numbers of injuries [10].
Initially, fractures of the craniofacial skeleton were treated without fixation by allowing
the bones to heal in open soft tissue, then performing the repair at a later time. Fractures were
also treated with closed reduction after manipulation. The next development was the use of an
external apparatus for fixation. This method was useful until the external fixation was removed
and the repaired structures collapsed again. Those procedures were accompanied by a lack of
success that was the impetus for the development of the techniques of open reduction and internal
fixation in all skeletal clinical problems. That was the background for the development of the
biomaterials to be used in these situations [11].
Internal fixation then came into practice, which required the use of rigid fixation. The
plating system began at the turn of the century, with the use of stainless steel plates. The
popularity of the applications came after the wars and packed in the mid-1970s. The use of
vitalium first and titanium second as the plating systems followed the major applications of the
stainless steel system, which had been accompanied by many complications. In the latter part
of the last century, the use of resorbable plating systems evolved and has advanced to their
present status today. Resorbable plating systems remain the state of the art for skeletal fixation
in the craniofacial region, particularly in infants and children (Fig. 1).
Today’s biocompatible resorbable polymers offer surgeons a new array of options for
craniofacial skeletal fixation [12]. Some of the potential benefits of resorbable polymers include
greater ease and accuracy of contour adaptation, clear radiographic presentation due to the
absence of x-ray scatter, elimination of the need for secondary surgeries for device removal,
and reduced risk of stress-shielding of the underlying bone. Known as polyesters, these copolymers have chemical, physical, material, mechanical, and biologic properties different from those
of metal fixation devices. Knowledge of these differences will facilitate the utilization of resorbable implants in fixation for craniofacial trauma (Fig. 2).
Among the bioresorbable polyester craniofacial fixation devices approved for clinical use
by the FDA, copolymers of lactides and glycolides are available. The first copolymer of Llactide and glycolide (LactoSorb, W. Lorenz, Jacksonville, FL) was approved by the FDA in
1996. The lactide in LactoSorb is a homopolymer of the levo form. The ratio of the L-lactide
monomer to the glycolide monomer is 82:18 in poly(L-lactide-co-glycolide) to take advantage
of glycolide’s rapid degradation time. Strength declines to approximately 70% by 6–9 weeks
and resorption is complete by 12 months [14].
Approved more recently, in 1998, is a copolymer produced from a mixture of 70% Llactide monomer and 30% D,L-lactide monomer (MacroPore, MacroPore Biosurgery, Inc., San
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Figure 1 Components of the resorbable plating system. Plates and panels get soft with heat so they can
be contoured to the configuration of the site, a major advantage.

Figure 2 Repair of the orbital floor. A small panel contoured into the orbit via a transconjunctival
approach to the orbit.

Bioresorbable Skeletal Fixation Systems

217

Diego, CA). This 70:30 ratio in poly(L-lactide-co-D,L-lactide) (DLLA) retains approximately
70% of its initial strength after 9 months and approximately 50% after 12 months, with resorption
completed by 24–36 months. Other resorbable polyesters from Bionx, Leibinger (delta system
and the new delta system), Synthes (resorbable system), KLS Martin (resorb-X), and Inion (two
systems) are all FDA approved and available for surgeons to use. The differences among these
systems are the ratios of the copolymers used in the compositions, which affects their longevity,
a consideration of importance to surgeons. The deciding factor of which system to use is the
individual surgeon’s preference and ease in clinical application. In children the surgeon wants
the system to resorb much faster than in the adult. A patient going into radiation therapy has a
slower healing so the systems used must stay longer to allow for better bone healing. Thus
surgeons have more options, based on the need of the patient and the long-term application
needs [15,16].
In view of these considerations, the primary focus is on the use of poly (L-lactide) for
skeletal repair and fixation due to its wide range of acceptance among practicing surgeons. The
acronym DLLA will also be utilized to designate a copolymer of the two monomers, L-lactide
and D,L-lactide. This combination is needed for strength to stabilize the bony components for
fractures or controlled fractures as in facial osteotomy [17].
B. Biophysics
Poly(L-lactide), which has a high crystallinity, is characterized by its strength and long degradation time. Conversely, a polymer created from D,L-lactide has little strength and degrades rapidly.
Combining L-lactide and D,L-lactide results in a copolymer with the intermediate characteristics
of strength for 6–9 months and resorption in 24–36 months. In addition, the copolymer is
optically clear and noncrystalline, resulting in minimal foreign body reactions by tissue. It should
be noted that, even within a given copolymer, strength and degradation characteristics could
vary according the degree of polymerization [18,19]. Therefore, the manufacturer must maintain
this within the desired range. A common measure of the degree of polymerization is called
intrinsic viscosity (IV), and for any given polymer the IV correlates with molecular weight. To
measure IV the polymer is dissolved in a standardized amount of chloroform and then passed
through a viscometer. The length of time that it takes for passage is used to calculate the IV.
At sufficiently high temperatures all materials change from hard to soft and finally to
liquid. The temperature at which a material changes from hard to soft is known as the glass
transition temperature (Tg). For 70:30 poly(L-lactide-co-D,L-lactide) the Tg is 55⬚C (131⬚F), thus
allowing heat to be utilized for contouring these implants [20].
Contouring an orbital floor liner illustrates this property. After making a template of the
orbital floor, the template is held against the orbital floor liner (Fig. 1A), then placed in a water
bath and heated above the Tg. The floor liner becomes soft in a few seconds and simply drapes
over the template when lifted from the water bath. In a few more seconds the floor liner cools
below the Tg and can be removed from the template. The liner is then ready to be placed in the
patient. It is useful to note that 70:30 poly(L-lactide-co-D,L-lactide) has shape memory, and if
placed back in the water bath it will return to its original contour, thus enabling additional
opportunities to raconteur it (Fig. 2). If only a portion of an implant needs to be recontoured,
only that portion need be placed back in the water bath. Cyclic heating of 70:30 poly(L-lactideco-D,L-lactide) to 70⬚C can be performed multiple times with no change in material strength
(Fig. 3).
C. Biochemistry
When lactic acid undergoes polymerization, ester bonds are formed and H2O is released. Therefore lactide copolymers are also known as polyesters. Resorption of lactide copolymers takes
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Figure 3 Total fixation of craniofacial components of a child after corrective surgery for a birth defect
in the craniofacial region. All biomaterials used were bioresorbable.

place as a reversal of this process, with sorbtion of H2O and scission of the ester linkages. This
bulk hydrolysis of lactide copolymer implants continues until single lactic acid molecules are
released, which are then metabolized into glucose or into CO2 and H2O via the Krebs tricarboxylic acid cycle.
A variety of factors are known to affect the rate of lactide copolymer resorption. A higher
IV or molecular weight means there are more ester linkages that undergo scission, and this
process results in a longer resorption time. A larger implant size or volume will also require
more scission before implant resorption can be completed. If the polymer is packed more tightly
in an orderly crystalline pattern, there is less space for H2O access and resorption will take
longer than for noncrystalline implants. Since hydrolysis occurs both on the implant surface and
within its interior, implant porosity will increase surface area, facilitate H2O access, and decrease
resorption time. The molecular configuration of copolymers may alter resorption time. Greater
vascularity of the implant host site as well as flexural bending from functional loading appear
to be associated with an increased rate of hydrolysis.
D. Biotoxicology
The toxicology of lactides has been of minimal concern due to the relatively small volumes of
implant material, slow degradation rates, and short serum half-lives. The serum half-life of the
levo form is 15 min; for the D,L form it is 22 min. The normal resting blood lactate level is
1.1–2.8 mM/L. After muscular activity it will rise ten fold to 10–23 mM/L. If the assumption
is made that degradation occurs over 2 months, with first-order kinetics and a half-life of 74 h,
a 100-g implant would release 0.18 mM/L of lactide acid in the first minute, far less than the
changes resulting from muscular activity. Two of the largest sheets of 70:30 DLLA copolymer
weigh only 18 g, and degradation actually takes place over a much longer, 18–36 months, time
interval. Even with first-order kinetics starting instantly, the 18 g of lactide copolymer would
result in an increase in blood lactate levels of only 1.1%.
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Table 1 Five Years Experience with the Bioresorbable Plating System
Category
Congenital
Trauma
Tumor
Cosmetic R
Total

Patients

Plates

Screws

Panel

E

176
65
54
29
324

923
103
294
00
1320

2405
368
653
58
3484

121
35
46
00
202

3449
506
993
58
5006

E. Biopathology
The histological responses to 70:30 DLLA copolymer have been well studied. There is an initial
acute inflammatory response following implantation. By 72 h there is a narrow zone of fibrinous
exudate, edematous granulation tissue, and a modest degree of fibroblast proliferation. By 7–14
days the granulation tissue has matured into a thin, cellular, fibrovascular capsule. Measurements
of in vivo tissue pH adjacent to 70:30 DLLA copolymer implants have detected no change
during degradation.
F. Biomechanics
The mechanical properties of 30:70 DLLA copolymer, bone, and steel are well known. The
tensile strength of lactide is approximately 30% the strength of bone. With a tensile strength of
70%, lactide materials can readily be designed to accommodate the failure loads for non-weightbearing bones. When designed as 1.0-mm thick plates, the tensile strength is approximately 190
N, or 45 lb. When metal screws are overtorqued, the threads strip the bone. When lactide screws
are overtorqued, the heads shear off. The shear strength of 2.0-mm screws is approximately 85
N, or 20 lb. As the 30:70 DLLA copolymer undergoes hydrolysis, its mechanical strength will
decrease. At 3 months, strength remains near 100%, decreasing to 90% at 6 months, 70% at 9
months, 50% at 12 months, and 0% by 18 months.
G. Clinical Experience
As with all fixation systems, clinical experience eventually determines the efficacy of any implant
design that is most likely to produce a lasting and successful outcome. As a starting point, it is
recommended that the surgeon select a copolymer design more stable than the currently employed
system. An example from our experience is that the substitution of titanium with PLA systems
for all repairs is imperative. The traditional metal plate with two holes on each side and 2.0mm screws would normally have been used; however, the patient insisted on resorbable over
metal fixation so four-hole plates are necessary. To assure adequate stability, the copolymer
plate was contoured from a piece of 1.0-mm thick mesh with four holes on each side and attached
with 2.4-mm screws (Fig. 3). While this design may be excessive in strength, it is appropriate
to be conservative until more clinical experience is acquired (see Table 1) for the first 5 years
of using the biomaterial implants. The screws in all the systems available today need to have
the hole made first and then be tapped with a second metallic device to establish the troughs
the biomaterial resorbable screw has to go in, an extra step from the routine systems used of
the metallic counterpart. That may take a few minutes at the beginning of the application but
it is a fast learning phase for all those who apply the system.
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Table 2 Follow-up of Patients with Bioresorable Plating Systems
Follow-up (months)
Complications
Average
Edema
Age
Palpable
Extrusion
Infection

1–42, arithmetic mean 22
No major complications
15.4 complications per patient
⫹2 (age range 1 month to 94 years, sem 5.5)
⫹2 (average age 11.8 years)
1 screw/ 1pt. Standard of care for infants and children
1 salvage accomplished

The authors’ clinical experience with biomaterial use in craniofacial fixation has been
summarized in Table 1 and 2. We have noted minimal complications in all the patients, and the
follow-up time is enough to allow us to note that there is minimal soft tissue reaction. There
have been no mishaps nor any danger to the patients, particularly in children (Fig. 3). These
plates are not visible to the diagnostic techniques available today (Fig. 4). We can only see the
screw holes for about a year before they fill up by the regenerating bone.
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I. INTRODUCTION
Total joint replacement has been claimed as ‘‘the most successful surgical procedure ever.’’
Whatever the technique or fixation, there is still only 90% survival at 10 years, with steeply
declining survival after that time [1]. Even in an autopsy study of implants functioning successfully until death, Charnley found a fine fibrous membrane between the cement and cancellous
bone in five out of six specimens [2].
Clinically, aseptic loosening is characterized by pain, restricted joint function, and loss
of bone stock [3]. Radiographically, aseptic loosening presents the features of radiolucent zones
at the implant–bone interface and progressive loss of bone (Fig. 1) [4]. A precursor to clinical
loosening is migration of the implant, which is only accurately detectable with roentgen stereometric analysis, but thereby provides a further definition of loosening [5–9].
Charnley further described a ‘‘destructive endosteal lesion’’ of the femur around a cemented implant [10], which he postulated was due to a chronic nonsuppurative infection. But
removal of aseptically loosened arthroplasty components also revealed an implant bed lined by
fibrous tissue [11] which was observed as a radiolucent gap or line on radiographs [12,13].
Progression and widening of the gap was found to be correlated with failure by loosening [14]
and was attributed by some to movement of the implant [15,16], but was more commonly
ascribed to ‘‘cement disease,’’ a physiological reaction to cement as a material [17].
Acrylic cement is designated ‘‘cold-curing’’ because it cures or sets without the addition
of heat, but the exothermic polymerization reaction can raise the bone interface temperatures
to 70⬚C or higher, at which thermal necrosis of bone might occur [15,18–21]. Alternatively,
leakage of the cytotoxic monomer into the adjacent tissues has been postulated as the cause of
necrosis [22–25]. Or the elevated temperature might increase the toxicity of the monomer to
cause chemical injury to the bone [26]. But in fact vital microscopic studies have shown that
acrylic cement has an immediate necrotic effect on the bone and some influence on the intramedullary circulation, and that regeneration of bone tissue is also seriously impaired [27–29].
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Figure 1 Radiographic appearance of linear osteolysis around a cemented stem.

Carlsson et al.

Osseointegration Principles in Orthopedics

225

Mechanical causes of failure of cemented fixation have also been advanced; the mechanical
and vascular trauma of surgical preparation might cause bone necrosis adjacent to the implant
mass [30,31]. Simple motion between implant and cement or cement and bone was initially
thought to contribute to interfacial failure [32,33], while observations of osteolysis around radiographically stable implants [34], even in the absence of generalized cement fragmentation [35],
led the Boston group to attribute failure to localized fracture of the cement mantle and fragmentation [36].
These observed hazards of cemented fixation increased the enthusiasm for cementless
fixation, begun with simple impaction of implants into medullary cavities [37,38] or threaded
designs [16,39]. However, whatever cementless fixation strategy was adopted, aseptic loosening
with the presence of fibrous tissue interfaces was still observed [40–42]. The presence of particles
of PMMA, polyethylene, or metal [43,44] drew the conclusions back to Willert and Semlitsch’s
earlier proposed mechanism of particle-induced osteolysis [45,46], then called ‘‘particle disease.’’
Particle disease has been linked with PMMA particles from the cement mantle [35,47],
alone or in combination with polyethylene particles from wear of the articulating liner [15,48].
Metal particles have also been implicated, either from wear against the articulating bearing
surfaces of the joint [49,50], against cement or bone [51], or from an undetermined source [52].
The mechanism of particle disease has received detailed investigation. Injection of particles
at stable interfaces has been shown to cause macrophage stimulation and subsequent bone resorption [53–55], for both PMMA and polyethylene particles, and also for cobalt–chromium alloy
particles [56–58]. However, although Howie’s intra-articular particles of cobalt–chromium provoked macrophage proliferation and synovial degeneration, when injected in an intraosseous
location the reaction was much less severe [59]. Goodman’s use of larger particles (2.5 to 75
m vs. less than 3 m) may have diminished the response. And intraosseous-implanted wires
of cobalt–chromium and c.p. titanium provoked ‘‘a discontinuous fibrous membrane that was
noticeably hypocellular’’ [59], especially remarkable when c.p. titanium can be implanted without any fibrous response [60]. These findings of little response to particles alone have been
confirmed recently [61].
Furthermore, a fibrous response to implants can have other causes: any implant in tissues
will provoke a chronic inflammatory response known as the foreign body reaction [62], which
is exacerbated by the presence of copious wear debris from PTFE [63] or PE [48] and can cause
bone resorption. Murray and colleagues showed that surface energy and roughness of implants
could cause adherent macrophages to release bone resorption mediators [64].
Indeed, most materials provoke some response from tissues by virtue of the release of
ions from the surfaces or bulk material, especially metals. Metal ion release occurs through
corrosive attack; less resistant materials such as stainless steel [65–68] release greater concentrations of ionic entities than the more noble Ti–6Al–4V or titanium–6% aluminium–4% vanadium
alloy [69] or cobalt–chromium cast or wrought alloys [70–72]. Very resistant materials such
as c.p. titanium, niobium, and tantalum release even lower levels of ionic species [73], which
probably contributes to their easier acceptance by tissues. Due to the tenacious oxide coating
on the surface of c.p. Ti the bone is effectively responding to a ceramic layer [74].
Several authors have also drawn attention to the differences between commonly observed
aseptic loosening and the aggressive osteolytic response provoked by wear debris [4,75,76].
Periprosthetic osteolysis may be mechanically driven. Bone is a biomechanical tissue,
requiring adequate stress during use to maintain bone mass. Remodeling of the proximal femur
adjacent to long-standing femoral implants has been observed in cementless devices [77,78–81]
and cemented implants [10,82–85]. Common findings are resorption of the medial femoral neck
in cemented stems [86,87] and cementless [88], with typically 40% loss of bone mineral proxi-
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mally [87] and distal progression of that bone loss [85]. In some cases the bone loss is so great
that fracture of the proximal femur follows [89]. While some have attributed this to the access
of wear particles proximally [81], the pattern is also consistent with finite element analysis
prediction of the stress changes [90–94] and is often accompanied by distal hypertrophy—a
mechanical effect and not due to particles [77,83,86].
Aspenberg and Herbertsson showed that motion between implant and bone was more
important in the development of a fibrous membrane than the application of polyethylene particles alone [95]. Fluid pressure alone has also been shown to cause osteolysis in stable osseointegrated implants, even steady fluid pressure, not requiring pulsating variation [96].
Many authors, while postulating particles as the principal agents of osteolysis, have warned
that the issue is multifactorial [97]. It is clear that the issue is highly complex, and to attribute
the cause to one factor alone (as has been the case several times) is, in our view, overly simplistic.

II. OSSEOINTEGRATION
Osseointegration of implants was first defined as ‘‘a direct contact between living bone and
implant, on the light microscopical level’’ [98]. A further definition of osseointegration was
proposed in 1985: ‘‘A structural and functional connection between ordered, living bone and
the surface of a load-carrying implant’’ [99]. That is to say, osseointegration is the direct opposite
of and answer to orthopedic aseptic loosening.
Osseointegration for implants was first developed in clinical dentistry in the 1970s [100].
Bone cement does not function well in the craniofacial skeleton, and no reliable implants for
anchorage of artificial teeth existed before the introduction of osseointegration. Excellent clinical
results of 90 to 95% success were reported with osseointegrated oral implants at 5 years [101,102]
and 10 years postoperatively [101]. Extraoral, skin-penetrating osseointegrated implants have
been found to function equally well [103,104].
Osseointegrated implants in the craniofacial skeleton have been documented with clinical
function for as long as 30 years. Implants that fail do so predominantly during the first couple
of years; thereafter few failures occur [105]. This contrasts strongly with hip implant components,
for which the failure rate increases with time [1].
The craniofacial experience showed that in order to establish secure osseointegration, six
factors must be controlled [106]:
1.
2.
3.
4.
5.
6.

Biocompatibility of the material
Implant design (form and macrotexture)
Surface conditions of the implant (microtexture)
State of the host bed
Surgical technique used at implant insertion
Loading conditions applied postimplantation [98]

To achieve osseointegration of orthopedic implants it would be necessary to control these factors
in the orthopedic environment, and to develop implants taking account of these conditions.
Furthermore, from the orthopedic experience of osteolysis, it is known that even if initial
implant stability is achieved, the bone may retreat from or be isolated from the implant because
of
1. Foreign body reaction—to the implant per se, to debris from implant component
degradation or wear, or to toxic emissions from the implant
2. Damage or insult to the bone through mechanical trauma of surgery
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3. Imposition of abnormal or unphysiological conditions on the bone, such as fluid
pressures or motion against implant components
4. Alteration to the mechanical signals encouraging bone densification; strain reductions
or ‘‘stress-shielding’’ of replaced or adjacent bone
A. Osseointegration in Orthopedics
1. Basic Science
The first factor investigated in the orthopedic context was the importance of implant form, or
macrotexture, on fixation stability in bone [107]. Titanium screws were shown to achieve direct
bone apposition after 4 to 14 months in canine and human tibiae, whereas cylinders and T plates
provoked a fibrous tissue interface.
Biocompatibility of the material was investigated in a series of studies comparing commercially pure titanium (c.p. Ti) with existing orthopedic implant materials such as stainless steel,
vitallium (Cobalt–chromium alloy) and titanium–6 aluminium–4 vanadium alloy [108]. In all
cases the c.p. Ti components achieved higher interfacial shear strengths and greater bone–implant
contact ratios than the orthopedic alloys. The interaction between c.p. Ti and bone was also
characterized for cortical and cancellous bone in another series of detailed studies [109].
That close implant–bone apposition is important for the development of secure osseointegration was demonstrated in rabbit tibiae [110] and subsequently supported indirectly by findings
in human acetabular implants [111–113]. Although closeness of fit has not been so carefully
studied, implant stability or implant/bone movement has been shown to play a significant role
in the development or prevention of osseointegration [114–117].
The effect of implant surface texture on bone incorporation has also been studied in detail
[118–123] and been further demonstrated in the orthopedic environment [124–127]. In fact, it
has been shown that enhancement of the bone response to implant surfaces can be achieved by
increasing the roughness from an SqA of less than 1 m to a value closer to 1.5 m [128], or
by other surface treatments [129,130].
One aspect of osseointegration that was difficult to reconcile with orthopedic applications
was the need for two-stage implantation, with a nonfunctional ‘‘healing-in period’’ between
interventions of typically 3 months. This was found to be unnecessary in orthopedics; a onestage procedure gave comparable results [131]. Immediate loading has subsequently also been
proven and accepted in craniofacial applications [132–135].
Having shown the applicability of osseointegration principles in the orthopedic field, the
task remained to develop an actual implant system in accordance with these principles.
3. Orthopaedic System Development
As stated above, remodeling around conventional femoral implants (cemented and cementless
stems) has clearly shown that intramedullary stems are an unphysiologic design [77,91,136,137]
and apply loading conditions unconducive to optimal bone response [87,138], This has led to
the search for ‘‘isoelastic stems,’’ designed to reduce stress-shielding and maintain bone mass
[139–141]. The need for intramedullary stems arises from the demands of immediate and long
term stability in the face of probable fixation failure.
Reliable biologic fixation offered by osseointegration permits implant design on more
physiological principles, resulting in more physiological strain transference to the bone and
hence encouragement of long-term stability.
The osseointegration requirement of a viable bone implant bed demands optimal bone
cutting techniques in good implant support zones. Optimal bone cutting has been shown to
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require sharp cutting edges, controlled cutting speeds, and deep cuts under constant irrigation—not normally possible with the broaches and shapes required for intramedullary stems. But
concentrating on proximal femoral geometry enabled rotational forms which could be accurately
produced with sharp cutting tools and placed in viable bone support (Fig. 2).
Simplified models in computerized finite element stress analysis demonstrated that such
a design would not impose unbearably high strain levels on the bone (Fig. 3), but would nevertheless apply stresses adequate to encourage and maintain bone formation. Further conventional
mechanical computations and computer finite element stress analyses confirmed that component
integrity could be achieved using commercially pure titanium (Fig. 4).
Mechanical tests and strain gauge studies in bone analogs and human bone supported
these calculations, and human cadaver tests demonstrated more physiologic loadings with this
geometry than a conventional cemented stem [142]. The mechanical integrity and durability of

Figure 2 The Gothenburg osseointegrated titanium hip system.
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Figure 3 Finite element modeling of bone strains produced by proximal femoral osseointegrated fixation.
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Figure 4 Finite element modeling of component strains.

the components was tested under single cycle and repetitive cyclic conditions to 10 million
cycles (equivalent to at least 10 years’ service in an arthroplasty patient) [143].
This material (c.p. Ti) has not been used before for the entire component of an orthopedic
implant, and it was therefore necessary to validate all component interactions within the system.
For the best wear resistance of the hip bearing, the bearing combination of a zirconia femoral
head and an UHMWPE acetabular liner was selected. The torsional stability of zirconia heads
on c.p. Ti taper trunnions was validated [144], and fretting tests of the taper fit were also
undertaken [145]. These actually showed less fretting wear under cyclic loading for the zirconia/
c.p. Ti combination than comparable zirconia/CoCr and CoCr/CoCr combinations.
The acetabular component was also designed and developed according to the principles
of osseointegration, which therefore required cadaveric and bone analog tests of the implant
stability [146]. Accuracy of surgery and proximity to bone surfaces as implanted were also
important in this component, and the accuracy of the instruments developed in conjunction with
the system was shown to be much better than conventional surgical preparation [147]. Retention
strengths of the UHMWPE liner within the acetabular component were determined under a
range of static and repetitive cyclic loading conditions [148].
3. Practical Experience
A pilot clinical trial with the GOT implant was started in 1992 at one center. Small groups of
patients (4 to 5) were operated on and followed for 6 to 12 months in order to evaluate implant
and instrumentation performance and surgical technique [149]. On the basis of these develop-
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ments, the instrumentation and surgical procedure were amended, and a multicenter study was
commenced in 1997.
The multicenter trial compared the novel GOT implant with a Harris Galante II cup and
the Spectron EF femoral component. The latter cemented femoral stem and cementless cup were
selected due to their excellent clinical record in the Swedish National Hip Registry [1]. The
hybrid hip combination of an uncemented cup and a cemented stem were recommended by the
National Institutes of Health Consensus Statement [150].
Fifty-four hips in 53 patients were included in the study, 26 women and 27 men. One
patient was bilaterally operated with a GOT device on one side and the control on the other.
The mean age was 59 years (44–71) at the time of surgery. The patients were randomized to
receive either the GOT or Harris Galante II/Spectron arthroplasty (Fig. 5).
Clinical evaluations were performed pre- and postoperatively, after 3, 6, and 12 months,
and then annually using a standard data form. Harris Hip Score [151] was calculated preoperatively and at any annual follow up. A visual analog scale for pain during activity and rest was
used to describe pain in addition to the pain description according to Johnston and colleagues
[152]. Migration of the implants was measured with RSA [153], which has been shown to give
accurate early prediction of long-term stability in joint replacements [6,154]. Radiographs for
RSA were taken immediately postoperatively and also 3, 6, and 12 months thereafter annually.
The Harris Hip Score rose from 48 to 98 and 97 for the GOT implant and control, respectively, which is comparable with other authors’ findings for short-term follow-up of most hip
arthroplasties. Likewise, RSA migration results were similar for the GOT group and the Spectron/
Harris Galante II control group, for both the femoral components and the acetabular cups [155].
Undertaking a prospective randomized controlled clinical trial of this nature places the GOT
implant system among one of the few systems to have such testing performed before wider
release [156].
A further, broader multicenter clinical trial is being undertaken at present, with results to
be published in 2004.
4. Conclusions
1. The principles of osseointegration can be applied to fixation of orthopedic implants,
with immediate and longer-term benefits for implant survival.
2. Osseointegration enables design of implant components to more physiological performance criteria, while maintaining necessary implant endurance and performance standards.
3. Benefits are also obtained in surgical technique and instrumentation by adopting such
an approach.
4. Prospective randomized clinical trials of this implant system show comparable performance to a control system chosen on the basis of the Swedish Hip Register results.
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100. Brånemark P-I, Hansson B-O, Adell R, Breine U, Lindström J, Hallén O, Öhman A. Osseointegrated
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1991.
Sennerby L. On the bone tissue response to titanium implants, PhD Thesis, University of Gothenburg,
Gothenburg, Sweden, 1991.
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Bone cements are substances used to repair the damaged or diseased areas of bones or to fix a
prosthesis in the bones. Generally acrylic cements made of polymers of methylmethacrylate
(MMA) are used for cement production. The scientist who first synthesized polymethylmethacrylate (PMMA) probably did not envision that this process would be a significant step in medical
science. The pilots of the World War II, who carried some glassy PMMA remnants in their
body as a result of shattered cockpit windshields, could not know that they already were a part
of in vivo experiments for biocompatibility of polymers.
Methylmethacrylate is an ester of methacrylic acid and has been intensively studied since
the second quarter of the twentieth century. In 1928, a large-scale technical synthesis for MMA
was established by the company Röhm and Haas, and the production technique was patented
by Bauer (1935; patent DRP 652821). By 1936, the company Kulzer (1936; patent DRP 737058)
had found that a dough produced by mixing ground polymethylmethacrylate powder and its
liquid monomer that hardens upon addition of benzoyl peroxide (BPO) and heating the mixture
to 100⬚C in a stone mould. The first clinical use of these PMMA mixtures was an attempt to
close cranial defects in monkeys in 1938. When these experiences became known, surgeons
were anxious to try these materials in plastic surgery on humans.
The heat curing polymer Paladon 65 was soon used for closing cranial defects in humans
after producing plates in the laboratory and later fitting the hardened material on the spot
(Kleinschmitt, 1941). After chemists discovered that the polymerization of MMA would occur
by itself at room temperature if a coinitiator is added in addition to benzoyl peroxide, the
companies Degussa and Kulzer (1943, patent DRP 973590), using tertiary aromatic amines,
established a protocol for the chemical production of PMMA bone cements. These studies must
be considered to be the birth of PMMA bone cements.
At the end of World War II, the worldwide practical use of PMMA studies started by
Otto Röhm quickly spread. PMMA bone cements were developed independently in several
countries. Even though their chemical bases were identical, the advantageous handling properties
of MMA polymer mixtures have remained the subject of many research projects because the
cements differed considerably in this respect. Kiaer first used PMMA as a pure anchoring
material by fixing acrylic glass caps on the femoral head after removing the cartilage [1–3].
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Studies on the use of the plastic materials in cranial applications were started with the largescale technical production of the polymers [4]. The fast-curing resins were also used for filling
defects caused by injuries to the visceral skeleton [5]. Judet and Judet [6] were the first to
introduce an arthroplastic surgical method. Soon, however, it became apparent that the PMMA
(Plexiglas威) prosthesis could not be integrated in the body because of both biological and
mechanical reasons. In 1958, Sir John Charnley was the first researcher who succeeded in
anchoring femoral head prostheses in femur with in site autopolymerization of PMMA [7].
Charnley called the material used ‘‘bone cement on acrylic basis.’’ His studies described a
totally new surgical technique [8].
Today, most of the bone cements that are used in dentistry and orthopedic surgery are
made of polymethylmethacrylate, and as a group they are called acrylic-based cements. These
cements have been widely used for more than 30 years [7]. In dentistry, pure PMMA is used
in prosthetic applications, and the compositions that contain PMMA are used as a filler material.
In orthopedic surgeries, bone cements are mainly used as a filler (for filling cavities resulting
from postoperative bone loss) and for anchoring the metallic implants securely into bone medulla.
The cement serves, in addition to fixation, as an interfacial phase between the high-modulus
metallic implant and low-stiffness natural bone as well as to transfer and distribute static and
cyclic loads due to daily activities.

I. PREPARATION OF BONE CEMENT
Most of the commercially available bone cements are composed of two parts; a pack that contains
PMMA powder with an initiator, and an ampoule that contains monomeric MMA liquid, an
accelerator and inhibitor.
For preparing most of the bone cements, the powder-containing pouch is cut by a sterile
scissors, and contents are put in a sterile bowl (Figs 1a and b). Then the liquid ampoule is
opened, and contents poured on the powder (Fig. 1c). They are mixed in a sterile container until
a homogeneous dough is obtained (1–3 min). Chemicals, which provide radioopacity, may or
may not be added to the mixture. The dough is applied to the desired area by the surgeon when
it gets a smooth and proper texture. Curing and hardening occurs in a few minutes.

Figure 1 Preparation of cement dough. (a) Opening of the powder part; (b) introduction of powder into
sterile bowl; (c) addition of liquid part.
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In some operating rooms, vacuum and/or centrifugation is applied to the mixture to remove
the gas bubbles (formed during mixing and polymerization) and to reduce the porosity of the
cement dough. The curing process of the bone cement, known as cold curing, is the result of
the free radical polymerization of MMA monomer.
The polymerization is initiated by the decomposition of initiator molecule, which is usually
benzoyl peroxide. The reaction can be activated by the introduction of an accelerator, which is
usually N,N-dimethyl-4-toluidine (DMPT).
During mixing of the solid and liquid components, PMMA powder partially dissolves in
its monomer and gets entrapped in the newly formed polymer matrix. The mixture becomes
stiff in few minutes (3–5 min). That allows enough time for the surgeon to apply the dough in
situ for the primary fixation of a joint prosthesis. The surgeon manually presses or injects the
cement dough into the application area in which the metal implant will be inserted. After the
application, bone cement quickly hardens by an exothermic reaction. The cement location in a
total hip replacement is shown in Fig. 2.

II. CHEMICAL COMPOSITION
Acrylic bone cements consist of two parts, powder and liquid components. The powder part
contains essentially tiny polymer (usually PMMA) beads and an initiator such as benzoyl peroxide. Some commercial preparations include copolymers of methylmethacrylate with methacrylate
(MA), styrene (S), butyl methacrylate (BMA), ethyl acrylate (EA), or ethyl methacrylate (EMA)
in the powder part. Studies are being carried out on new copolymers of MMA with different
comonomers like oleoyloxyethyl methacrylate (OMA) [9].

Figure 2 Total hip replacement with bone cement. (a) Schematic of implant and bone cement in hip and
femur. (b) Interface between bone and implant.
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Radioopacity is provided by barium sulfate (BaSO4) or zirconium dioxide (ZrO2), and
they may be added to the powder component or they may be provided in a separate pack. The
liquid part consists essentially of methylmethacrylate monomer. Some commercial products
include butyl methacrylate, N-decyl methacrylate (DMA), or isobornyl methacrylate (IBMA)
as comonomers. In order to accelerate polymerization reaction, an accelerator such as N,Ndimethyl-4-toluidine (DMPT) is also added. The liquid component also contains an inhibitor
such as hydroquinone (HQ) to prevent self-polymerization of monomer before use and thus to
extend the shelf-life of the cement. Some bone cements also contain a crosslinker agent, ethylene
glycol dimethacrylate (EDGMA), in the liquid part. The chemical structures of MMA and PMMA
are
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A. Polymer/Monomer Ratio
Most of the commercial bone cement formulations have a polymer/monomer ratio of 2:1 (w/
v). When this ratio increases (by increasing the amount of PMMA powder or by decreasing the
amount of MMA monomer), the viscosity of the cement dough increases. This causes difficulty
in workability and creates problems in applying the dough deep in the bone. It also results in
shorter growth time for the free radicals as well as a shorter time for the occurrence of the peak
sample temperature with fast curing. On the other hand, smaller powder/liquid ratios give smaller
peak concentrations of free radicals, larger peak temperatures, and higher monomer release to
the surrounding tissues [10,11].

B. Initiator
Benzoyl peroxide is the most common initiator used in bone cement formulations and it is added
in the powder component. There are some other initiators such as tri-n-butylborane (TBB) used
in the commercial product Bonemite威. The chemical formulations of BPO and TBB are

Benzoyl peroxide
O
C

O
O

O

C
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Tri-n-butylborane
B(C4H9)3
After mixing the liquid and the powder parts, the initiator produces radicals at room temperature
and starts the polymerization reaction causing an increase in temperature. Some authors suggested that the maximum temperature of TBB at curing is lower than that obtained with other
conventional bone cements [12]. But at 10-year follow-up, no statistical differences were observed between the survival rates of the patients in which Bonemite or another bone cement,
CMW 1, was used in total hip arthroplasty. The reaction mechanism for free radical formation
by TBB is shown in Fig. 3.
C. Accelerator/Activator
Most of the bone cement formulations contain a tertiary aryl-amine, N,N-dimethyl-p-toluidine
(DMPT), as an accelerator for polymerization reactions. DMPT is added in the liquid part and
is water soluble to a small extent [13]. It causes the decomposition of the BPO in a reduction–oxidation process by electron transfer that produces a benzoyl radical and benzoate anion, as shown
in Fig. 4.
It was shown that when the more reactive 4-N,N-(dimethylamino)phenethanol was used
as accelerator, a higher radical concentration was observed in the polymerization system than
with BPO, yielding cements with shorter setting times and increased strengths [14,15]. Tanzi
et al. [16] studied replacing DMPT with unsaturated tertiary arylamines, such as acryloyl- (ANP)
and methacryloyl- (MNP) N-phenylpiperazine. These two accelerators were expected to be less
toxic. Compression tests revealed that compressive yield stress, strain at yield, and elastic modulus values were very similar to those of samples cured with DMPT and ANP, and slightly lower
results were obtained with samples cured with MNP. In Boneloc威, a mixture of dihydroxypropylp-toluidine and N,N-dimethyl-p-toluidine was used as the accelerator system. Oldfield and Yasuda introduced 4-dimethylamino phenethyl alcohol (TDOH) as a more effective accelerator
than DMPT for bone cement curing [15].
In Bonemite威, 2-5-dimethylhexane-2-5-hydroperoxide is used as the polymerization promoter [12]. Vazquez et al. studied the properties of different activators [17]. They used 4dimethylaminobenzyl alcohol (DMOH) and 4-dimethylaminobenzyl methacrylate (DMMO) as
the activators in the benzoyl peroxide–initiated redox polymerization for the preparation of
acrylic bone cement based on polymethylmethacrylate beads of different particle sizes. They
reported that the BPO/DMOH and BPO/DMMO redox systems had lower peak temperatures
and longer setting times, and the cured materials presented higher average molecular weights

Figure 3 Free radical formation by tri-n-butylborane (TBB).
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Figure 4 Reduction–oxidation process of benzoylperoxide (BPO) caused by N,N-dimethyl-p-toluidine
(DMPT).

than those obtained with DMPT. In addition, they reported that these activators were three times
less toxic than the classical DMPT [17]. Vazquez et al. also reported that when a long chain
acid derivative bearing an aromatic tertiary amine group, 4-N,N-dimethylaminobenzyl laurate
(DML), was used, lower peak temperatures and longer setting times were obtained without
impairing the mechanical properties [18]. When the same group used a tertiary aromatic amine
derived from oleic acid, 4-N,N-dimethylaminobenzyl oleate (DMAO), as the accelerator, they
obtained a 20⬚C decrease in the polymerization temperature and a 7-min increase in setting time
[9].
D. Inhibitor
In order to prevent self-polymerization during storage, liquid components of bone cements
contain an inhibitor as a radical scavenger and usually hydroquinone is used for this purpose.
It was shown that hydroquinone could be replaced by less toxic materials such as food
grade di-tert-butyl-p-cresol [14].
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III. MOLECULAR STRUCTURE AND POLYMERIZATION REACTION
Acrylic bone cements are polymeric materials produced by radical polymerization of methyl
methacrylate (MMA), as shown in Fig. 5. The whole process starts with the formation of active
unpaired electrons by dissociation of the initiator. The most commonly used initiator is benzoyl
peroxide and it has an ability to split into two fragments upon dissociation of the weak peroxy
bond (the single O–O bond) (Fig. 6). The initiator fragments which have unpaired electrons are
called free radicals.
The unpaired electrons are energetically unstable and need to be paired and stabilized.
When they find any electrons to pair up with, they do so. The carbon–carbon double bond in
a vinyl monomer, like that in methylmethacrylate, has a pair of electrons which is easily attacked
by the free radical to form a new chemical bond between the initiator fragment and one of the
double bond carbons of the monomer molecule.
The other electron of the double bond stays on the carbon atom that is not bonded to the
initiator fragment, creating a new free radical. This unpaired electron is now capable to attack
the double bond of a new monomeric unit. This whole process, the breakdown of the initiator
molecule to form radicals, followed by the radical’s reaction with a monomer molecule is called
the initiation step of the polymerization (Fig. 7).
This new radical reacts with another methylmethacrylate molecule in the same way as the
initiator fragment did. Another radical is always formed when this reaction takes place over and
over again. This process of adding more monomer molecules to the growing chains is called
propagation (Fig. 8). As far as the radical and the monomer are present, more and more MMA
molecules are added, and they build a long chain containing n monomeric units.

Figure 5 Polymerization reaction of polymethylmethacrylate.

Figure 6 Initial radical formation by decomposition of benzoyl peroxide.
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Figure 7 Initiation step of the polymerization.

Figure 8 Chain propagation reaction.

Radicals are unstable, and when there are not enough monomeric units to combine, eventually they find a way to terminate without generating a new radical. This happens in several ways.
Either disproportionation or recombination of the radical-carrying chain ends. Recombination is
the simplest way, where in the two unpaired electrons join to form a pair and a new chemical
bond. Termination is the third and final step of a chain-growth polymerization (Fig. 9).

Figure 9 Termination of the polymerization reaction by recombination.
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As the polymerization goes on, the viscosity of the whole mass increases, preventing the
diffusion of growing chains and combination of chain ends. Therefore, rate of termination decreases. At this point, the polymerization rate and the medium temperature increase. Since
thermal conductivity of the medium is poor, a peak temperature point is reached. This is called
the gel effect or Trommsdorff effect. During the formation of polymer matrix, PMMA particles
which are added as the powder constituent of the bone cement become entrapped in the newly
formed polymer matrix.

IV. COMMERCIALLY AVAILABLE BONE CEMENTS
There are various kinds of bone cements. The chemical compositions of some commercially
available and most commonly used bone cements are presented in Table 1.

V. THERMAL CHANGES DURING CURING
The dough obtained after mixing the powder and the liquid parts of the cement starts to solidify,
hardens, and sets in a few minutes. Starting from the mixing of the components, the dough goes
through distinct phases. Phase I, or the mixing phase, begins immediately when powder and
liquid are brought together. The time that the mixture becomes homogeneous is the beginning
of Phase II, or the waiting phase. The mixture is sticky at this phase. The total duration of
Phases I and II is called the doughing time. At the end of Phase II, i.e., when the dough is no
longer sticky, Phase III begins. The duration of this phase is called working time. Bone cement
is applied to the target sites during this phase. Setting time is the duration between the beginning
of Phase I and the end of Phase III. When it is just hard to manupilate the dough, Phase IV
begins. The prosthesis can no longer be placed into cement dough in this phase. Complete
hardening occurs at the end of this phase, and therefore it is called the hardening phase. The
phases which cement dough goes through are shown in Fig. 10 [19,20].
A. Effect of Ambient Temperature
Increase in the temperature during hardening is the result of exothermic polymerization reactions.
High temperatures cause quick setting and may cause damage to the surrounding tissue. The
rates of the polymerization reactions and the increases in the setting temperature and setting
time are sensitive to the ambient temperature. Therefore the temperature of the operating room
has an important effect, and when this temperature increases, the polymerization reaction also
increases and the dough hardens quickly. For example, surgical Simplex P Radiopaque Bone
Cement setting time is given as 9 min at an ambient temperature of 75⬚F, 12 min at 70⬚F, and
15 min at 65⬚F [21].
In addition to the ambient temperature of the operating room, the temperature of the
powder and liquid components of the cement and of the implant and the mixing equipment, can
markedly affect the setting time and setting temperature of the cement dough. If components
are stored at temperatures lower or higher than that of room temperature, sufficient time (12–24
h) must be allowed for them to reach the appropriate ambient operating room temperature before
they are mixed, otherwise setting time will be correspondingly lengthened or shortened [22]. If
an implant is used while still warm from the autoclave, setting time will be reduced. Mixing
equipment still warm from storage or autoclaving will also induce a shorter setting time than
expected.
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Table 1 Some Commercially Available Bone Cements
Bone cement

Manufacturer

AKZ (Antibiotic
Simplex®)

Stryker
Howmedica

C-ment 1

EMCMBV

C-ment 3

EMCMBV

Cemex Isoplastic

Tecres

Cemex RX (LV)

Tecres

Cemex Genta HV

Tecres

Cemex Genta LV

Tecres

Composition
Powder (40.97 g): 29.51 g
polymethylmethacrylate–styrene, 5.91 g
polymethylmethacrylate, 4.00 g barium sulfate, 0.58 g
benzoyl peroxide, 0.73 g erythromycin-gluco
heptonate (0.5 g base), 0.24 g colistin–methane
sulfonate–sodium (⫽ 3,000,000 I.E.)
Liquid (18.79 g / 20 mL): 18.31 g methylmethacrylate
(⫽ 19.50 mL), 0.48 g N,N-dimethyl-p-toluidine
(⫽0.50 mL), 1.5 mg hydroquinone
Powder (40 g): 35.04 g polymethylmethacrylate
containing methyl acrylate and ethyl acrylate, 0.96 g
benzoyl peroxide, 4.00 g barium sulfate
Liquid (14.40 g / 15.42 mL): 12.15 g
methylmethacrylate (⫽12.93 mL), 1.90 g butyl
methacrylate (⫽2.12 mL), 0.35 g N,N-dimethyl-ptoluidine (⫽0.37 mL), 20 ppm hydroquinone
Powder (40 g): 34.92 g polymethylmethacrylate
containing methyl acrylate and ethyl acrylate, 1.08 g
benzoyl peroxide, 4.00 g barium sulfate
Liquid (16.40 g / 17.57 mL): 13.85 g
methylmethacrylate (⫽14.73 mL), 2.16 g butyl
methacrylate (⫽2.42 mL), 0.39 g N,N-dimethyl-ptoluidine (⫽0.42 mL), 20 ppm hydroquinone
Powder (40.00 g): 33.72 g polymethylmethacrylate
(with 3% styrene), 1.08 g benzoyl peroxide, 5.20 g
barium sulfate
Liquid (13.30 g / 14.13 mL): 13.18 g
methylmethacrylate (⫽14.00 mL), 0.12 g N,
N-dimethyl-p-toluidine (⫽0.13 mL), 75 ppm
hydroquinone
Powder (40 g): 35.31 g polymethylmethacrylate (with
3% styrene), 1.09 g benzoyl peroxide, 3.60 g barium
sulfate
Liquid (13.30 g / 14.13 mL): 13.18 g
methylmethacrylate (⫽14.00 mL), 0.12 g N,
N-dimethyl-p-toluidine (⫽0.13 mL), 75 ppm
hydroquinone
Powder (40 g): 33.11 g polymethylmethacrylate (with
3% styrene), 1.20 g benzoyl peroxide, 4.00 g barium
sulfate, 1.69 g gentamicin sulfate (1.0 g base)
Liquid (13.30 g / 14.2 mL): 13.06 g methylmethacrylate
(⫽13.89 mL), 0.24 g N,N-dimethyl-p-toluidine
(⫽0.255 mL), 75 ppm hydroquinone
Powder (40 g): 33.11 g polymethylmethacrylate (with
3% styrene), 1.20 g benzoyl peroxide, 4.00 g barium
sulfate, 1.69 g gentamicin sulfate (1.0 g base)
Liquid (13.30 g / 14.2 mL): 13.06 g methylmethacrylate
(⫽13.89 mL), 0.24 g N,N-dimethyl-p-toluidine
(⫽0.255 mL), 75 ppm hydroquinone
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Table 1 Continued
Bone cement

Manufacturer

Cerafix LV

Ceraver Osteal

Cerafixgenta

Ceraver Osteal

CMW 1 Gentamicin

DePuy, Johnson
& Johnson

CMW 1 radiopaque

DePuy, Johnson
& Johnson

CMW 2

DePuy, Johnson
& Johnson

CMW 2 Gentamicin

DePuy, Johnson
& Johnson

CMW 2000
Gentamicin

DePuy, Johnson
& Johnson

CMW 3

DePuy, Johnson
& Johnson

Composition
Powder (46.50 g): 41.75 g polymethylmethacrylate,
0.45 g benzoyl peroxide, 4.30 g zirconium dioxide
Liquid (18.69 g / 20 mL): 15.90 g methylmethacrylate
(⫽16.91 mL), 2.41 g n-butyl methacrylate
(⫽2.69 mL), 0.38 g N,N-dimethyl-p-toluidine
(⫽0.4 mL), 45 ppm hydroquinone
Powder (47.83 g): 41.75 g polymethylmethacrylate,
0.45 g benzoyl peroxide, 4.30 g zirconium dioxide,
1.33g gentamicin sulfate (⫽0.8 g base)
Liquid (18.69 g / 20 mL): 15.88 g methylmethacrylate
(⫽16.91 mL), 2.43 g n-butyl methacrylate
(⫽2.69 mL), 0.38 g N,N-dimethyl-p-toluidine
(⫽0.4 mL), 45 ppm hydroquinone
Powder (40 g): 33.89 g polymethylmethacrylate, 1.69 g
gentamicin sulfate (⫽1.0 g base), 0.82 g benzoyl
peroxide, 3.60 g barium sulfate
Liquid (18.37 g / 19.57 mL): 18.22 g
methylmethacrylate (⫽19.36 mL), 0.15 g N,
N-dimethyl-p-toluidine (⫽0.16 mL), 25 ppm
hydroquinone
Powder (40 g): 35.54 g polymethylmethacrylate, 0.82 g
benzoyl peroxide, 3.64 g barium sulfate
Liquid (18.37 g / 19.57 mL): 18.22 g
methylmethacrylate (⫽19.36 mL), 0.15 g N,
N-dimethyl-p-toluidine (⫽0.16 mL), 25 ppm
hydroquinone
Powder (40 g): 34.68 g polymethylmethacrylate, 0.80 g
benzoyl peroxide, 4.52 g barium sulfate
Liquid (18.37 g / 19.57 mL): 18.22 g
methylmethacrylate (⫽19.36 mL), 0.15 g N,
N-dimethyl-p-toluidine (⫽0.16 mL), 25 ppm
hydroquinone
Powder (40 g): 33.11 g polymethylmethacrylate, 1.69 g
gentamicin sulfate (⫽1.0 g base), 0.80 g benzoyl
peroxide, 4.40 g barium sulfate
Liquid (18.37 g / 19.57 mL): 18.22 g
methylmethacrylate (⫽19.36 mL), 0.15 g N,
N-dimethyl-p-toluidine (⫽0.16 mL), 25 ppm
hydroquinone
Powder (40 g): 29.06 g polymethylmethacrylate, 5.13 g
poly(methylmethacrylate–ethylmethacrylate–styrene),
1.69 g gentamicin sulfate (⫽1.0 g base), 3.20 g
barium sulfate, 0.92 g benzoyl peroxide
Liquid (18 g / 19.15 mL): 17.64 g methylmethacrylate
(⫽18.76 mL), 0.36 g N,N-dimethyl-p-toluidine
(⫽0.38 mL), 75 ppm hydroquinone
Powder (40 g): 35.20 g polymethylmethacrylate, 0.80 g
benzoyl peroxide, 4.00 g barium sulfate
Liquid (17.90 g / 19.04 mL): 17.45 g
methylmethacrylate (⫽18.56 mL), 0.45 g N,
N-dimethyl-p-toluidine (⫽0.48 mL), 25 ppm
hydroquinone
(Continued)
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Table 1 Continued
Bone cement

Manufacturer

CMW 3 Gentamicin

DePuy, Johnson
& Johnson

Copal

Merck

Duracem 3

Sulzer

Durus H

Macmed
Orthopedics

Endurance

DePuy, Johnson
& Johnson

Genta C-ment 1

EMCMBV

Composition
Powder (40 g): 33.55 g polymethylmethacrylate, 1.69 g
gentamicin sulfate (⫽1.0 g base), 0.76 g benzoyl
peroxide, 4.00 g barium sulfate
Liquid (17.90 g / 19.04 mL): 17.90 g
methylmethacrylate (⫽18.56 mL), 0.45 g N,
N-dimethyl-p-toluidine (⫽0.48 mL), 25 ppm
hydroquinone
Powder (42.59 g): 35.20 g
poly(methylacrylate–methylmethacrylate), 4.27 g
zirconium dioxide, 0.32 g benzoyl peroxide, 1.60 g
gentamicin sulfate (⫽1.0 g base), 1.20 g clindamycin
hydrochloride (⫽1.0 g base)
Liquid (18.78 g / 20 mL): 18.40 g methylmethacrylate
(⫽19.57 mL), 0.38 g N,N-dimethyl-p-toluidine
(⫽0.43 mL), 0.4 mg chlorophyllin
Powder (48.39 g): 38.55 g polymethylmethacrylate,
4.28 g poly(butyl methacrylate–methylmethacrylate),
0.40 g benzoyl peroxide, 4.76 g zirconium dioxide,
0.40 g di-cyclo-hexylphthalate
Liquid (19.22g / 20.55 mL): 16.06 g
methylmethacrylate (⫽17.09 mL), 2.83 g buthyl
methacryalte (⫽3.16 mL), 0.31 g 2-[4(dimethylamino)phenyl] ethanol, 20 ppm
hydroquinone
Powder (42.25 g): 37.30 g polymethylmethacrylate
containing about 1% ethylexyl methacrylate, 1.11 g
benzoyl peroxide (titrated), 3.84 g barium sulfate
Liquid (18.37 g / 19.54 mL): 18.19 g
methylmethacrylate (⫽19.35 mL), 0.18 g N,
N-dimethyl-p-toluidine (⫽0.19 mL), 60 ppm
hydroquinone
Powder (40 g): 26.82 g polymethylmethacrylate, 8.44 g
co(methylmethacrylate–styrene), 0.74 g benzoyl
peroxide (titrated), 4.00 g barium sulfate
Liquid (18.88 g / 20.08 mL): 18.50 g
methylmethacrylate (⫽20.08 mL), 0.38 g N,
N-dimethyl-p-toluidine (⫽0.40 mL), 0.002 g
hydroquinone
Powder (40.80 g): 34.97 g polymethylmethacrylate
containing methylacrylate and ethyl acrylate,
0.98 g benzoyl peroxide, 4.00 g barium sulfate, 0.80 g
gentamicin sulfate (⫽0.5 g base)
Liquid (14.40 g / 15.42 mL): 12.15 g
methylmethacrylate (⫽12.93 mL), 1.90 g butyl
methacrylate (⫽2.12 mL), 0.35 g N,N-dimethyl-ptoluidine (⫽0.37 mL), 20 ppm hydroquinone
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Table 1 Continued
Bone cement

Manufacturer

Genta C-ment 3

EMCMBV

Osteobond

Zimmer

Osteopal

Merck

Osteopal G

Merck

Palacos LV

Schering Plough

Palacos R

Schering Plough

Palacos R
Gentamicin

Schering Plough

Composition
Powder (40.80 g): 34.90 g polymethylmethacrylate
containing methylacrylate and ethyl acrylate, 1.10 g
benzoyl peroxide, 4.00 g barium sulfate, 0.80 g
gentamicin sulfate (⫽0.5 g base)
Liquid (16.40 g / 17.57 mL): 13.85 g
methylmethacrylate (⫽14.73 mL), 2.16 g butyl
methacrylate (⫽2.42 mL), 0.39 g N,N-dimethyl-ptoluidine (⫽0.42 mL), 20 ppm hydroquinone
Powder (40 g): 35.50 g
poly(methylmethacrylate–styrene), 0.5 g benzoyl
peroxide, 4.00 g barium sulfate
Liquid (18.80 g / 20 mL): 18.66 g methylmethacrylate
(⫽19.85 mL), 0.14 g N,N-dimethyl-p-toluidine
(⫽0.15 mL), 80 ppm hydroquinone
Powder (40 g): 33.40 g
poly(methylacrylate–methylmethacrylate), 0.60 g
benzoyl peroxide, 6.00 g zirconium dioxide, 1 mg
chlorophyllin
Liquid (18.78 g / 20 mL): 18.40 g methylmethacrylate
(⫽19.57 mL), 0.38 g N,N-dimethyl-p-toluidine
(⫽0.43 mL), 0.4 mg chlorophyllin
Powder (41.70 g): 33.14 g
poly(methylacrylate–methylmethacrylate), 0.63 g
benzoyl peroxide, 6.26 g zirconium dioxide, 1 mg
chlorophyllin, 1.67 g gentamicin sulfate (1.0 g base)
Liquid (18.78 g / 20 mL): 18.40 g methylmethacrylate
(⫽19.57 mL), 0.38 g N,N-dimethyl-p-toluidine
(⫽0.43 mL), 0.4 mg chlorophyllin
Powder (40 g): 33.40 g
poly(methylacrylate–methylmethacrylate), 0.60 g
benzoyl peroxide (titrated), 6.00 g zirconium dioxide,
1 mg chlorophyllin
Liquid (18.78 g / 20 mL): 18.40 g methylmethacrylate
(⫽19.57 mL), 0.38 g N,N-dimethyl-p-toluidine
(⫽0.43 mL), 0.4 mg chlorophyllin
Powder (40 g): 35.55 g
poly(methylacrylate–methylmethacrylate), 6.13 g
zirconium dioxide, 0.32 g benzoyl peroxide, 1 mg
chlorophyllin
Liquid (18.78 g / 20 mL): 18.40 g methylmethacrylate
(⫽19.57 mL), 0.38 g N,N-dimethyl-p-toluidine
(⫽0.43 mL), 0.4 mg chlorophyllin
Powder (40.84 g): 33.55 g
poly(methylacrylate–methylmethacrylate), 6.13 g
zirconium dioxide, 0.32 g benzoyl peroxide, 1 mg
chlorophyllin, 0.84 g gentamicin sulfate (0.5 g base)
Liquid (18.78 g / 20 mL): 18.40 g methylmethacrylate
(⫽19.57 mL), 0.38 g N,N-dimethyl-p-toluidine
(⫽0.43 mL), 0.4 mg chlorophyllin
(Continued)
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Table 1 Continued
Bone cement

Manufacturer

Palamed

Merck

Palamed G

Merck

Subiton RO

Prothoplast

Subiton G

Prothoplast

Surgical Simplex P

Stryker
Howmedica

Zimmer

Zimmer

Composition
Powder (44 g): 38.28 g
poly(methylacrylate–methylmethacrylate), 5.28 g
zirconium dioxide, 0.44 g benzoyl peroxide
Liquid (18.78 g / 20 mL): 18.40 g methylmethacrylate
(⫽19.57 mL), 0.38 g N,N-dimethyl-p-toluidine
(⫽0.43 mL), 0.4 mg chlorophyllin
Powder (44.92 g): 38.28 g
poly(methylacrylate–methylmethacrylate), 5.28 g
zirconium dioxide, 0.44 g benzoyl peroxide, 0.92g
gentamicin sulfate (0.55 g base)
Liquid (18.78 g / 20 mL): 18.40 g methylmethacrylate
(⫽19.57 mL), 0.38 g N,N-dimethyl-p-toluidine
(⫽0.43 mL), 0.4 mg chlorophyllin
Powder (40 g): 35.03 g polymethyl acrylate (with 20%
n-BUMA), 4.0 g barium sulfate, 0.97 g benzoyl
peroxide
Liquid (18.80 g / 20 mL): 18.57 g methylmethacrylate
(⫽19.76 mL), 0.23 g N,N-dimethyl-p-toluidine
(⫽0.24 mL)
Powder (40.30 g): 34.54 g polymethyl acrylate (with
20% n-BUMA), 4.0 g barium sulfate, 0.96 g benzoyl
peroxide, 0.80 g gentamicin sulfate (0.5 g base)
Liquid (18.80 g / 20 mL): 18.57 g methylmethacrylate
(⫽19.76 mL), 0.23 g N,N-dimethyl-p-toluidine
(⫽0.24 mL)
Powder (40 g): 29.40 g poly(methylacrylate–styrene),
6.00 g polymethylacrylate, 4.0 g barium sulfate, 0.6 g
benzoyl peroxide
Liquid (18.79 g / 20 mL): 18.31 g methylmethacrylate
(⫽19.50 mL), 0.48 g N,N-dimethyl-p-toluidine
(⫽0.50 mL), 80 ppm hydroquinone
Powder (40 g): 35.70 g polymethylacrylate, 4.0 g
barium sulfate, 0.30 g benzoyl peroxide
Liquid (18.80 g / 20 mL): 18.28 g methylmethacrylate
(⫽19.45 mL), 0.52 g N,N-dimethyl-p-toluidine
(⫽0.55 mL), 80 ppm hydroquinone

One of the efforts to adjust the setting time and to improve the handling properties of
bone cements involves prechilling the liquid monomer constituents, prior to their mixing with
the powder. Lidgren et al. compared effects of ambient temperatures (4C vs. 21⬚C ) of high
viscosity, high molecular weight, antibiotic-containing polymethylmethacrylate cements mixed
by hand or vacuum. If components were prechilled at 4⬚C, mixing became easier and handling
characteristics were improved compared to the cements at 21⬚C. It was reported that prechilling
did not cause any differences in thermal or mechanical parameters [23].
Hansen and Jensen made comparative studies of cement components stored at room temperature or chilled to 5⬚C and mixed either manually or under vacuum. Nine commercial bone
cements were tested for various parameters such as handling characteristics, intrusion, doughing
time, setting time, and exothermic temperature. It was reported that, except for the low-viscosity
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Figure 10 Change in polymerization temperature versus time (Tmax ⳱ maximum curing temperature;
Tamb ⳱ ambient temperature; DT ⳱ doughing time; WT ⳱ working time; ST ⳱ setting time (the time
when bone cement temperature is reached to half of the difference of Tmax and Tamb).

brands, it was very hard to manipulate vacuum-mixed bone cements that were kept at room
temperature, as the cements became too viscous to mould test specimens. They found that
prechilling and vacuum mixing prolonged the setting time and preserved a lower viscosity during
the handling period [24].
Smeds et al. [25] analyzed the influence of varying viscosities and mixing temperatures
(22 vs. 6⬚C) on macro- and microporosity, density, and compressive strength in vacuum-mixed
high-, medium-, and low-viscosity cements. At 22⬚C, vacuum mixing significantly reduced void
volume, while the reduction was most pronounced in low-viscosity cement. At 6⬚C, the reduction
of micropores was more pronounced in high- viscosity cement. In medium- and especially lowviscosity cement, the prechilling caused an increase in the number of micropores. At 6⬚C,
cement density was significantly reduced in low-viscosity cement. Vacuum mixing significantly
increased compressive strength in all cement types. The temperature did not significantly influence compressive strength, but low- viscosity cement generally was stronger when mixed at
22⬚C. The authors did not recommend prechilling application to the low-viscosity cement [25].
Lewis studied the influence of the storage temperature of the cement constituents prior
to mixing (21 vs. 4⬚C) and the mixing method (hand mixing vs. vacuum mixing) on the uniaxial
tension–compression fatigue performance and porosity of Palacos R acrylic bone cement. It was
reported that although the mixing method (for a given storage temperature) exerted a significant
influence on the fatigue performance and porosity, the effect of storage temperature (for a given
mixing method) on either of these parameters was not significant [26].
Although it is believed that high setting temperatures may damage the surrounding tissue,
causing aseptic loosening and failure of the prosthesis, Marberg et al. found no statistical differences in mechanical or the histomorphological properties when inserted titanium implants in
tibia of rabbits by using conventional Simplex and low temperature–curing Boneloc cements
[27].
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VI. MECHANICAL PROPERTIES
Mechanical properties of a material can be studied by measuring the response of the material
to an applied load. Strength of a material is judged by its ability to resist stress. Stress is a
quantity that describes the intensity of the internal force per unit area acting on a specific plane
(area) passing through a point. When a body is subjected to external loads, an infinitely small
point within a body under load can be subjected to two possible types of stresses: normal stress
and shear stress (Fig. 11).
Normal stress is the intensity of the net forces acting normal (perpendicular) to an object
per unit area. The simplest load applications are tensile and compression forces. In tensile
force, the specimen is gradually elongated, and in compression force the specimen is gradually
compressed under an applied stress. The resulting changes in length are recorded. The stress,
, is the force applied per unit area and the strain is the fractional change in the length of the
specimen. It can be measured as linear strain, ε, which is the change of length per unit length.
In tensile and compression tests, the specimen is subjected to a progressively increasing tensile
force until it fractures. At the beginning the test material deforms elastically. The strain is directly
proportional to the stress and the specimen returns to its original form immediately on the
removal of the stress. Beyond the elastic limit, applied force causes plastic deformation, in
which deformation is permanent. The material either fractures or changes shape. In the elastic
region, the stress and strain are linearly proportional and the ratio is defined as E⳱/ε, where
E is Young’s modulus.
Shear stress is the intensity of force per unit area acting tangentially to an object. In other
words, it is the stress component that acts in the plane of the sectioned area. When a shear
stress, which acts at an angle rather than normal to the plane, is applied, the relation between
shear stress, , and shear strain, ␥, is given as G⳱/␥, where G is called the shear modulus.
The amount of deformation in any direction depends on the magnitude and direction of the
loading and on the composition of the material (Fig. 11).
Mechanical tests can be static tests when the load is applied slowly, cyclic tests when the
load is applied partly or wholly for many repetitions, and impact tests when the load is applied

Figure 11 Basic stresses acting on a material under loading. (A) Tensile stress. (B) Compressive stress.
(C) Shear stress. Dotted lines represent the final deformed shape of the material after loading.

Recent Developments in Bone Cements

257

rapidly at once. Fractures form either under constant stress (creep) or fluctuating stress (fatigue)
conditions. Creep tests are carried out under certain combinations of stress and temperature.
All materials exhibit an increase of strain with time when subjected to a constant stress. This
phenomenon is called creep. High temperatures lead to a rapid creep, which is often accompanied
by microstructural changes.
There are three common ways in which stresses may be applied: axially, torsionally, and
flexurally (bending). Examples of these are seen in Fig. 12. In each type of loading, at any point
of the body, normal and shear stresses exist more or less depending on the type of loading. In
axial and flexural loading, normal (pure tensile or pure compressive) stress is much more than
shear stress. In torsion, shear stress is much more than normal stresses. Flexural theory states
that most materials will exhibit linear-plastic behavior, i.e., they will respond to an applied load
by deflecting in accordance to Hooke’s law, and will return to their original shape and form
when the load is removed. This stress–strain relation exists only up to a certain load, after which
the material will undergo some irretrievable deformation. Hooke’s law states that deformation
of an object under loading is proportional to the magnitude of the load and that stress is directly
proportional to strain but only up to a limit, called the proportionality constant.
Fatigue test is the measurement of the failure of a material under repeated applications
of a constant stress smaller than the stress which causes failure in a single application. The
material initially suffers some microstructural damage. Eventually the cyclic applications of the
load lead to the formation of cracks which grow larger with every application of load. A series
of specimens of the material are tested to failure by application of different values of stress.
Properties such as fatigue lifetime, number of cycles to failure after crack initiation, permanent
set, and total deformation are also measured.
Impact test measures the brittleness of the material. In this test, a standard notch is made
in a standard test specimen, which is then struck under impact conditions by a heavy weight
forming the end of a pendulum. The notch serves to introduce triaxial tensile stresses into the
specimen, encouraging brittle failure to occur. The weight is released from a known height and
strikes the specimen on the side opposite the notch to induce tensile stresses in it. After breaking
the specimen the pendulum swings on and the height to which it rises is measured. The energy
absorbed in breaking the material under high-speed loading can be determined. If this value is
low, the specimen is called brittle.

Figure 12 (A) Axial loading. (B) Torsional loading. (C) Flexural loading (bending).

258

Serbetci and Hasirci

If the load only slightly exceeds the proportional load, then the material may still respond
elastically, but the response to the load is no longer linearly related to the applied load. When
the applied load permanently changes the properties of the material, the specimen is said to be
exhibiting plastic deformation. Eventually, the load to which the material is subjected will be
at the material’s ultimate load. At this point, the material will either fail (if it is a brittle material)
or it will continue to deflect (if it is ductile) until it finally ruptures. A typical stress–strain
curve is given in Fig. 13.
Fracture toughness is a quantitative way of expressing a material’s resistance to brittle
fracture when a crack is present. If a material has a large value of fracture toughness it will
probably undergo ductile fracture. Brittle fracture is very characteristic of materials with a low
fracture toughness value. There are actually four different types of fracture toughness: KC, KIC,
KIIC, and KIIIC, each of which is used under a different mode of fracture. There are three different
modes of fracture; mode I, mode II, and mode III. In bone cement fracture toughness tests, KIC
is used because a crack in bone cement usually causes mode I fracture. Different modes of
fracture are shown in Fig. 14.
A very useful way to visualize time to failure for a specific material is with the S-N curve,
which indicates stress versus cycles to failure. S-N curves use the stress amplitude, , plotted
on the vertical axis and the logarithm of the number of cycles to failure on the horizontal axis.
An important characteristic to this plot, as seen in Fig. 15, is the fatigue limit.
The significance of the fatigue limit is that if the material is loaded below this stress, then
it will not fail, regardless of the number of times it is loaded. Other important terms are fatigue
strength and fatigue life. The stress at which failure occurs for a given number of cycles (usually
106 or 107) is the fatigue strength. The number of cycles required for a material to fail at a
certain stress is fatigue life.

Figure 13 Typical stress-strain chart (y u, and f represent the yield, ultimate, and fracture stresses,
respectively).
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Figure 14 Different modes of fracture. (A) Mode I fracture. (B) Mode II fracture. (C) Mode III fracture.

For bone cements all these mechanical properties—tensile, compression, shear, fatigue—are important. In many cases, bone cements are used as a kind of bone substitute, although
the mechanical properties of bone cements differ from that of natural human bone. But filling
the surgically created cavities by bone cement is better than leaving large voids in the bone
tissue. Some physical and mechanical properties of different bone cements prepared with different mixing and aging conditions obtained by numerous scientists are given in Table 2.
Mechanical strength of bone cements is very important since most of the aseptic loosening
is related to the fracture of the PMMA cements. For bone cements mechanical properties are
affected by various factors, and it is not easy to report strength characteristics of all new formulations because each differs from one another. Some of the factors that affect the mechanical
properties are composition of cement parts (different chemical composition, existence of additives, radiopaque materials, different initiators accelerators), weight-average molecular weight
of the polymer part [28], porosity [29,30], type of the sterilization method of the constituents
[31], and mixing methods [32–36].

Figure 15 A demonstrative S-N chart.
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Table 2 Physical and Mechanical Properties of Bone Cements
Density (g/cm3)
Water sorption (%)
Shrinkage after setting (%)
Ultimate compressive strength (MPa)
Compressive elastic modulus (GPa)
Compressive strain before fracture (%)
Ultimate tensile strength (MPa)
Tensile elastic modulus (GPa)
Tensile strain before fracture (%)
Shear strength (MPa)
Fracture toughness, KIC (MPa m1/2)

1.10–1.23
0.5
2.75–5
72.6–114.3
1.94–3.18
5.0–7.5
23.6–49.2
1.58–4.12
0.86–2.49
42.7–50.2
1.03–2.32

It was reported that microcracks are developed in the interbead matrix just before failure
and not through the prepolymerized beads. These cracks propagate, and gross mechanical failure
occurs [37]. The damage accumulation failure begins before weight bearing due to cracking
induced by residual stress around pores or stress raisers. These residual stresses occur during
curing stages of the bone cement dough [38]. Some residual stresses are caused by the temperature differences arising after polymerization of bone cement [39].
Some attempts to prevent fracture formation and to increase the mechanical properties
involve addition of rubber particles into the polymeric matrix. It was reported that addition of
rubber into PMMA cement increased the fracture toughness significantly, but reduced elastic
modulus and compressive strength [40].
It was also reported that penetration of bone cement into bone cavity is one important
factor for the stability of implant. Penetration of a few milliliters will hold the trabecular ends
firmly and enhance stiffness and resistance to compression, shear, and tension [41,42]. Deep
penetration into the cancellous interstices enhance the strength of the interface between bone
and the cement and affects cement–bone interfacial shear strength [43–45]. Some pressure
should be exerted on the bone cement in order to provide sufficient penetration into bone
trabeculae. It was shown that the human femora could resist mechanically an intramedullary
pressure of at least 2 MPa. Therefore intramedullary pressures should remain below 2 MPa for
safe use [46]. After cemented hip joint replacement operations, a slight increase in flexural
strength and modulus of bone cement at the 2 weeks [47,48], followed by a nearly equivalent
decline for 8 weeks [47] or slight increase for up to 6 months [48] were reported.
In hip arthroplasties bone cement is mainly subjected to compressive loading that is maximal at the proximal region of the stem [49]. It was measured that cement from the proximal
region of the prosthesis had significantly decreased flexural strength, lower modulus, and lower
molecular weight than cement used in the distal region and plug [47]. These data suggest that
failures in the proximal region of the prosthesis are due to both higher loading conditions and
inferior physical and mechanical properties of the bone cement in that region.
The mechanical success of an operation, such as a total hip arthroplasty, depends not only
on the mechanical properties of the bone cement, but also on many other factors like surgical
technique details or shape and material properties of the metallic implant [50].
VII. BONE CEMENT DELIVERY METHODS
These methods are in the scope of surgical techniques of arthroplasties. The general procedure
can be summarized as follows. In an ordinary joint replacement surgery, the surgeon drills the
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part of the bone where the device is going to be implanted and cleans the debris in the cavity.
Saline solution is spouted by a plastic syringe to drilled bone cavities in order to clean the blood
and debris out of the cement application area. If this is not done well, the remaining tissue
particles inhibit the cement penetration into bone trabeculae. When high-pressure spouting is
applied, the cleaning operation and therefore the cement penetration is much better than by the
ordinary method. The use of jet lavage is a good way to clean the bone cavity [51].
The surgeon fills the cavity with the bone cement in its soft dough state, and inserts the
metallic implant into the prepared place either by hand or with an injection gun. Cement mixing
in a bowl followed by finger packing does not provide adequate fill, especially in the femoral
canal. Retrograde cement filling in the femur reduces risk of revision. This technique prevents
air entrapment during cement application, reducing porosity. Lamination is also reduced, making
it possible to achieve a completely cement-filled cavity [52].
Pressurizers are available for acetabular, femoral, and knee pressurization. They are used
to maintain pressure on the bone cement until it is doughy enough to resist the force of blood
pressure. In order to achieve good filling and pressurization in hip and knee arthroplasties, a
small piece of bone or a cement restrictor may be used to plug the shaft. Pressurization and
lavage of the cancellous bone significantly improves cement penetration.
The bone cavity should be shaped to provide an even cement mantle between the bone
and prosthesis. Thickness of the cement mantle should be approximately 2–3 mm. Normally
40 g of cement is used for acetabulum and 60–80 g for femur. A stem centralizer can help
guide the femoral prosthesis to a neutral position in the cement. An even cement mantle means
better stress distribution and reduced risk of cement mantle failure [53,54].
The dough cures and hardens in a few minutes by an exothermic polymerization reaction
and holds the metallic implant firmly in a stable position. Important points are the viscosity of
the cement dough, which affects ease of application, and the porosity, which affects the mechanical strength of the cement.
A. Viscosity
Bone cements have complex viscoelastic characteristics. In a few minutes after mixing the solid
and liquid parts, they go from a liquidlike consistency to a hard solid form. The changes in the
flow characteristics of some commercial bone cements during the curing process are given by
Dunne and Orr [55].
The viscosity is one very important parameter since it is required that the dough should
attain proper texture and give enough time for the surgeon to use it with maximal workability
and penetration when pressed into the cancellous bone without hardering. For good intrusion
into the trabeculae, the cement should have the desired viscosity. If the viscosity is too low,
blood pressure may force the cement out of the bone cavity and cause blood laminations in the
cement. If the viscosity is too high, it will be hard to fill the cavity, and the dough will not
penetrate into bone trabeculae well. Ideal viscosity is high enough to prevent the cement from
mixing with blood or fat/bony material yet low enough to penetrate the bone adequately.
Commercial bone cements are offered as high-, medium-, or low-viscosity cements. Highviscosity bone cements typically have a doughy consistency. They have a short wetting phase
and lose stickiness quickly. The working phase generally is long, and viscosity remains unchanged until the very end, when it slowly increases. Low-viscosity cements are similar to
viscous oil in consistency. They have a long liquid phase, or low-viscosity wetting phase. The
cement remains sticky for quite some time. Viscosity increases rapidly during the working phase,
and the doughy cement becomes warm and sets quickly. For medium viscosity cements, the
wetting phase is similar to that of low-viscosity cements. They lose stickiness quickly, like high-
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viscosity cements. During the working phase, viscosity increases slowly and continuously, as
with high-viscosity cements.
High-viscosity bone cements have been shown to offer a lower incidence of revision and
aseptic loosening in total hip arthroplasties. The lowest revision risk is observed when the highviscosity cements Palacos Gentamicin and Palacos are used. Ten years of follow-up studies
showed that 95% of the total hip prostheses implanted with these cements were stable. CMW
offers significantly less risk reduction, demonstrating more than 85% stable implants in a 10year follow-up. The highest risk was associated with Sulfix [56].
Malchau et al. studied the risk factors of some commercial bone cements by applying
Poisson models for multivariate variables and by taking the risk ratio for Sulfix as 1. For aseptic
loosening in osteoarthrosis, risk ratios with 95% confidence limits are given as 0.46–0.61 for
Palacos, 0.59–0.72 for Simplex and 0.52–0.84 for CMW [57].
B. Porosity
The presence of pores in the cement in the intramedullary canal may have a positive or negative
effect on the stability and the service life of the arthroplasty. On one hand, it is intuitively
expected that pores would act as stress risers and initiate sites for cracks, rendering the cement
susceptible to early fatigue fracture. On the other hand, Topoleski et al. [58] speculated that
pores might play a role in blunting propagating cracks, thereby prolonging the life of the implant.
On the whole, though, the current consensus is that every effort should be made to substantially
reduce the number and size of pores.
There are two types of pores in fully polymerized bone cement: macropores (pore diameter
⬎ 1 mm) and micropores (pore diameter 艑 0.1–1 mm) [59]. Pore formation arises from various
sources [60]: air initially surrounding the liquid monomer or powder constituents, entrapment
of air during wetting of the powder by the liquid monomer, entrapment of air during mixing of
the constituents, the boiling or evaporation of the volatile liquid monomer during the curing
stage, and entrapment of air during the transfer of the dough to the syringe/gun.
Smeds et al. compared the properties of cements of different viscosities, mixed with
vacuum or hand, and at two different temperatures. They reported that the microporosity was
reduced in all cements by vacuum mixing, while the highest degree was observed in lowviscosity cement. For high-viscosity cement the micropore reduction was more pronounced at
6⬚C. But for medium- and low- viscosity cements, an increase in the number of micropores was
reported upon prechilling [25]. Lewis also observed that vacuum mixing influenced the porosity
and uniaxial tension-compression fatigue performance of the cements [26].
Interfacial porosity, the concentration of pores at the cement–metal interface in cemented
femoral stems, was studied by James et al. [61]. They reported that the interfacial pores exist
in almost all cases, and centrifugating the cement had no effect on the amount of these pores.
Macaulay et al. [62] studied porosities of bone cements prepared in different mixings and
found that the mean percent porosity was highest in case of vacuum mixed, lowest for centrifuged, and intermediate for hand mixed cements. No significant reduction in percent porosity
was reported for vacuum and centrifugational mixings.
C. Mechanisms of Anchorage
Bone cements do not form chemical bonds between the metallic implant and the natural bone.
In that sense they are not glues. They fix the prosthesis in the desired area by forming a mechanical interlock between the metallic implant and the bone, and transfer the load from one to the
other. Bone cement diffuses into the microscopic irregularities of the bone cavity and provides
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a good mechanical attachment to bone. Therefore, the strength of the cement–bone interface is
related to the amount of interdigitation between the cement and bone. The apparent strength of
the cement–bone interface is significantly higher when the interface is loaded in shear rather
than tensile loading [63]. The specimens that have higher strengths are often associated with
more trabecular bone interdigitated with cement [64]. This suggests that greater penetration
should occur in cancellous bone containing larger interstitial cavities. Clinically, this is accomplished by vigorous finger packing. The cement should be pressurized as early as possible within
the rasped cavity (immediately after the dough stage if possible) [65].
The attachment of bone cement to metallic implant occurs by circumferential hoop stress
that is formed by contraction of the hot cement dough during the cooling process as a result of
the metallic implant is firmly squeezed by hardened bone cement. Also, to increase the attachment
of metallic implant to bone cement, the implants were coated with certain chemicals or the
implant surface was treated with bond-forming materials. It is reported that PMMA coating on
metal surfaces increased the torsional fatigue strength of the metal–cement interface [66], and
hydroxyapatite coating of titanium implants increased the initial integration of the implant to
the bone in dental applications [67].

VIII. MAIN SIDE EFFECTS
The main side effects of bone cements can be summarized as aseptic loosening, local temperature
increase, and release of toxic molecules to the surrounding tissue.
A. Aseptic Loosening—Failure of Artificial Joints
Aseptic loosening is the leading cause of failure of cemented total hip arthroplasties. In a joint
arthroplasty, a thin soft tissue gap of 0.1–3.0 mm occurs between the bone and bone cement
within 1–30 years. This event, called aseptic loosening, leads to painful mechanical failure of
the artificial joint. The formation of a radiolucent fibrous membrane, accumulation of inflammatory cells, and osteolysis are characteristic for aseptic loosening of polymethylmethacrylatefixed prostheses. Since the formed membrane is produced by fibroblasts, it is likely that these
connective tissue cells play a critical role in the loosening process. Some studies are summarized
below.
Histologic evaluation of tissue surrounding the loosened components after joint replacement reveals the presence of a synovial-like lining adjacent to the polymethylmethacrylate cement. The tissue is heavily infiltrated with particulate cement as well as polyethylene associated
with a foreign body type giant cell reaction. This tissue response which may be responsible for
the bone lysis associated with loosening, is suggested by the demonstration of high prostaglandin
E2 levels and enhanced bone resorbing activity in the tissue culture medium of fragments from
this membrane [68,69].
The histopathology of the bone–cement interface shows that a macrophagic reaction is
evident even in the presence of a stable bone–cement interface at the retrieved hip prosthesis.
This is in response to particles of polymethylmethacrylate bone cement and other chemicals
and supports the view that the release of particles by the cement or by the prosthetic components
can precede the mechanical instability and be the primary cause of loosening. It was shown that
monocytes and macrophages responding to particles of bone cement are capable of differentiating
into osteoclastic cells that resorb bone. There usually exists a connective tissue layer between
the cement and the bone and usually it is observed that no bone trabecula reaches the cement
surface. The polymorphous features of this connective membrane are probably a result of instabil-
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ity and movement at the bone–cement and stem–cement interfaces. That means micromovements
at the bone–cement and stem–cement interfaces can accelerate aseptic loosening [70].
In the evaluation of the microstructural characteristics of newly formed bone tissue at the
interface with cement, the newly formed bone adjacent to cement in the loosened prostheses
shows a maturity degree lower than that of bone adjacent to cement in stable prostheses. The
lattice parameters of bone apatite do not show significant variations as compared to normal
bone tissue. Bone trabeculae at the interface with loosened prostheses often show an osteoid
lining characterized by a strongly demineralized lamellar and Haversian structure [71].
Fracture of the polymethylmethacrylate bone cement mantle can lead to the loosening and
ultimate failure of cemented total joint prostheses. Mechanical failure of polymethylmethacrylate
accelerates bone resorption at the bone–cement interface of the prostheses. Evaluation of tissue
that had been retrieved from the cement–bone interface of femoral components of total hip
prostheses that were loose without associated infection revealed that a critical factor associated
with bone resorption was the presence of particles that were small enough (1–12 m) to be
phagocytized by macrophages. PMMA particles of less than in 12 m size can be phagocytized
by macrophages. When the mechanical failure of cement produces particles that are small enough
to be phagocytized, phagocytosis of the particles results in the increased production of tumor
necrosis factor by the macrophages, which may in turn lead to bone resorption and prosthetic
loosening [72].
Loosening of the cemented prostheses depends not only on the failure of the implant and/
or the bone cement, but also on the inflammatory response of the bone tissue against bone
cement ingredients. The radiopaque additive barium sulfate was shown to increase the inflammatory response in the surrounding tissues after cemented arthroplasty. Lazarus et al. [73] showed
that the inflammatory response to polymethylmethacrylate particles containing BaSO4 was
greater than the response to plain polymethylmethacrylate particles of similar size. Increased
inflammation was measured by leukocyte counts and levels of prostaglandin E2, tumor necrosis
factor, and neutral metalloprotease [73]. In comparison to pure PMMA, PMMA particles containing ZrO2 cause a higher increase in bone resorption. But the particles containing BaSO4 were
associated with 50% more bone resorption than those containing ZrO2 [74].
B. Local Temperature Increase
One of the main side effects of bone cement application is the rise of the temperature at the
bone–bone cement interface during the polymerization of MMA. In bone cement formulations
the powder part of the bone cement is already prepolymerized PMMA particles, and this prevents
the explosive polymerization reactions. Still the highly exothermic polymerization process of
the MMA, with a total polymerization heat of 544 J g-1, causes an increase of the local temperature. The maximal value of the curing temperature varies from 80 to 124⬚C depending on the
ratio of MMA to PMMA, the composition of the solid and liquid components, the size of the
polymer particles, the concentrations of BPO and DMPT, and the presence of transfer agents
[75]. Peak temperatures are about 25–30⬚ higher than the threshold levels (50–60⬚C) and are
considered a cause of thermal damage to tissues. It is reported that bone tissue degenerates when
it is subjected to 47⬚C for a duration not less than 1 min [76].
Particle size of PMMA powder is one important factor of the peak temperature, and as the
particle size decreases, the surface-to-volume ratio increases. Therefore the amount of polymer
dissolved in the monomer increases, leading to higher viscosity of the dough. The increase in
viscosity leads the Trommsdorff effect to occur more vigorously, and the transfer of heat becomes
difficult, causing an increase in the curing temperature. This also leads to a faster setting of the
dough. Higher amounts of either the initiator (BPO) or the accelerator (DMPT) increase the
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polymerization temperature and decrease the setting time. As the polymer/monomer ratio increases, both the polymerization temperature and the monomer release to the surrounding tissue
decrease. This seems to be an advantage for temperature, but the increase in this ratio increases
the viscosity of the dough so that workability and the penetration of bone cement into bone
trabeculae become difficult. Therefore the optimal value of polymer/monomer ratio is given
about 2:1 (w/v), and this ratio is used in most commercial bone cement formulations.
In some cases bone cements with high setting temperatures may be desirable. Some surgeons treat the giant cell tumors of bone tissue by using the technique of aggressive curettage
through a large bone window followed by acrylic cement reconstruction [77]. As the bone
cement self-heats, the possibility of heat necrosis in the bone tissue exists. It was mentioned
that the damage to the cells due to heat may be beneficial in reducing the rate of tumor recurrence
[78].
C. Release of Toxic Molecules
As are most of the organic monomeric chemicals, MMA itself is also toxic to the bone tissue.
Also release of MMA monomer from the dough structure into the circulating blood causes
severe drop in blood pressure. This is caused by the direct chemical effect of MMA on blood
vessels. In polymerization reactions, there is always a molecular weight distribution of the
obtained polymer chains. Therefore it never happens that 100% of the monomer polymerizes
during curing of the bone cement. A certain amount of residual monomer remains in the hardened
cement. The content of monomer in the cured cement is related to the monomer composition,
glass transition temperature, polymerization temperature, and type and concentrations of accelerator and initiator systems.
The remaining monomer leads to two results: unreacted MMA monomer leaks from the
cement mantle into the surrounding tissues, causing toxic effect and impairing bone remodeling
[79,80]. Presence of monomer in the hardened cement acts as a plasticizer and influences the
mechanical properties [80].
Residual monomer content can be detected by differential scanning calorimetry (DSC)
using isothermal and dynamic modes. Because DSC tends to be less sensitive at high conversions,
especially if there exists a permanent residue, gas chromatography (GC) may be used [81]. The
proportion of nonconverted residual monomer remaining in the polymerized bone cement is in
the range of 2–6% just after hardening, decreases to approximately 0.5% or less after 2–3 weeks,
and then remains the same for years [19]. Released amounts of the residual monomer can be
measured by HPLC by immersing the cements into buffer or saline solutions for some periods
[19].
The studies carried out in patients undergoing total endoprosthetic replacement of the hip
joint with metal prosthesis and stabilized by acrylic bone cement pointed to statistically significant changes in the blood clotting and fibrinolysis systems. It was reported that monomer or
polymer release causes a tendency toward hypercoagulation and intravascular clotting. Fibrinolysis activation associated with these changes is secondary, resulting from, among others, the
mechanism of the action of free fibrin monomers [82]. Bone cement affects the activity of
lysosomal enzymes in peripheral blood granulocytes. It was reported that after the endoprosthesis
stabilization operation, statistically significant changes occur in the activity of lysosomal marker
enzymes. Lability of lysosomal membranes appears with permeation of hydrolases into supernatant [83].
The release of monomer may cause some fatality, and therefore surgeons and anesthesia
experts should take precautions to protect the patient. After few minutes of the cement application, the toxic effect vanishes.
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IX. BONE CEMENT MIXING METHODS
Bone cement mixing methods are categorized as manual (or hand) mixing, centrifugation, vacuum mixing, and combined mechanical mixing.
In manual mixing, the powder component is added to the liquid (which may or may not
have been chilled to a temperature that is usually between ⳮ15 and 6⬚C) in a polymeric (usually
polypropylene or polyethylene) bowl. Then these components are stirred with a polypropylene
or polyethylene spatula with a speed of 1 or 2 Hz for 45–120 s.
In centrifugation mixing the hand-mixed dough is immediately poured into a syringe (from
which the nozzle is detached) that is then promptly placed in a centrifuge and spun with a speed
of 2300–4000 rpm for 30–180 s [84–86].
Applying vacuum to self-setting acrylic cements was first described in dentistry, but Lidgren et al. studied vacuum-mixed cements as bone cements in 1984 [87]. They analyzed the
mechanical strength of high- and low-viscosity gentamicin-containing cements by using three
different mixing procedures: hand, vibration, and vacuum stirring. They reported that, vacuum
mixing improved the flexural and compression strength and the modulus of elasticity by 15–30%,
especially for high-viscosity cement. In another study of Lidgren et al. in 1987, it was shown
that vacuum mixing improves fracture strength, maximal deflection, modulus of elasticity, and
hardness when compared with hand mixing. The fatigue life was ten times longer after vacuum
mixing. Vacuum mixing delayed the setting time by 1 min, and also decreased the peak temperature. Radiographic analysis showed that vacuum mixing mainly reduced not only the microporosity, but also the macroporosity. The mechanical properties deteriorated slightly after 2 months
in Ringer’s solution, but the differences between the mixing procedures remained unchanged
[88].
The vacuum system that Wixson et al. described produced set specimens of less than 1%
porosity. The samples had significant improvements in the mechanical properties of tensile and
compressive strength and uniaxial tensile fatigue life compared to the specimens prepared with
conventional mixing [89].
Creep characteristics of vacuum-mixed acrylic bone cement were studied by Norman et
al. It was found out that compressive creep testing of cylindrical specimens machined from two
commercial self-polymerizing acrylic bone cements demonstrated measurable creep strains with
higher creep strains for the hand-mixed cement specimens compared to vacuum-mixed ones
[90].
Since 1984, a number of proprietary and experimental chambers have been used for vacuum mixing. The proprietary ones include the Simplex Enhancement Mixer (Howmedica),
Stryker High Vacuum System (Stryker), MITAB (Mitab), Optivac (Mitab), Stryker Mixevac II
(Stryker), and Sterivac (SD) as well as the Mitvac, Cemvac Merck, Bonelock, and Cemex
systems [91]. Thus, there are no generic steps in vacuum mixing (as is the case for hand or
centrifugation mixing). Generally in vacuum-mixing methods, 5 to 100 kPa of vacuum is applied
for 15–150 s to the dough during mixing stage. In some of them air within the powder is
evacuated before mixing. The mixing apparatus, the quantity in the vacuum, the vacuum application time, and the mixing frequency differ among these methods.
A number of combined mixing devices have been used by various workers. One involves
adding the powder to the liquid constituents in a stainless bowl that is then placed on a vibrating
plane (50 vibrations/s) while stirring the mixture with a polypropylene spatula [92]. Another
device is a proprietary machine (Hauschild, Germany) that simultaneously mixes and centrifugates (12 s, 2950 rpm) the cement mixture [93].
It was confirmed that porosity of bone cement decreased by applying vacuum and/or
centrifugation. The decrease in porosity leads to improvement in fatigue performance. In two
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separate studies, Lewis found that the increased viscosity of bone cement did not improve the
fatigue performance as much as vacuum mixing, and that the most important factor in fatigue
performance of bone cement was the weight-average molecular weight (MWw), rather than
mixing method [94,95].
Hansen et al. [96,97] and Fritsch et al. [98] claimed that vacuum mixing was not suitable
for all commercial bone cements and this method provided good improvement in fatigue performance of a few commercial products. Gilbert et al. showed that vacuum mixing increased the
shrinkage of bone cement and this shrinkage under certain constrained conditions may result in
the development of porosity at the implant–bone cement interface [99]. Naturally, this would
weaken the mechanical attachment of bone cement to implant.
The effect of mixing methods on monomer liberation was studied by Bettencourt et al.
[100]. Residual monomer content was determined by high performance liquid chromatography.
It was reported that monomer release in phosphate buffer is significantly reduced when vacuum
is applied.
Following the mixing of the powder and liquid constituents using any of the aforementioned processes, the usual procedure is to immediately inject the cement dough into a cartridge
or tube with a device, usually a cement gun made of polyvinylchloride (PVC) or polytetrafluoroethylene (PTFE), and pressurize the mold into the desired cavity where final setting occurs.

X. ADDITIVES
A. Radio-opacity
Polymethylmethacrylate is not a radiopaque material, i.e., it is almost impossible to determine
the borders of the cement applied during the surgery by ordinary x-ray imaging. Until 1972,
polymethylmethacrylate did not contain any radiopaque material and was, therefore, radiolucent.
Since 1972, radiopaque materials—barium sulfate (BaSO4) or zirconium dioxide (ZrO2)—have
been added into the bone cement in order to provide radio-opacity. Radiopaque material addition
of about 10% (w/w) to the powder part provides sufficient radio-opacity to determine the borders
of the bone cement by ordinary x-ray imaging. Otherwise, the areas which bone cement occupies
can be determined by using magnetic resonance imaging (MRI) [101].
Addition of radiopaque materials may have some disadvantages. It was observed that,
osteolysis, i.e., bone resorption around bone cement application area, was more severe when
radiopaque agents were used [102]. This situation was more evident in BaSO4 cases than in
ZrO2 cases [74,103]. On the other hand, pollution of zirconium dioxide by radioactive elements
is possible. Various bone cements containing zirconium oxide (Palacos威, Implast威, Sulfix-6威)
show a certain degree of radioactivity. These x-ray contrast media remain in the body for decades
as components of the bone cement. Although no specific study has been reported, this situation
seems to increase cancer incidence [104].
In addition to two former molecules, the possibility to confer radiopacity by introducing
an x-ray opaque iodine containing methacrylate in the liquid phase of the bone cement has been
studied and 2,5-diiodo-8-quinolyl methacrylate (IHQM) was proposed as a new radiopaque
agent [105]. It was given that the incorporation IHQM produced a decrease in the value of peak
temperatures and a slight increase in the setting time [105]. When static and dynamic mechanical
properties of acrylic bone cements that include BaSO4, ZrO2, and IHQM were examined, it was
shown that in relation to the radiolucent cement, the addition of zirconium dioxide improved
the tensile strength significantly, the fracture toughness, and the fatigue crack propagation resistance. In contrast, the addition of barium sulfate produced a decrease in the tensile strength, but
did not affect the fracture toughness and improved the crack propagation resistance. When the
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iodine-containing monomer IHQM was used, although the tensile strength and the fracture
toughness increased, the fatigue crack propagation resistance remained as low as it was for the
radiolucent cement [106,107].
Organo-bismuth compounds such as triphenyl bismuth were also studied as radiopaque
agents by Deb et al. It was found that addition of triphenyl bismuth in the bone cement matrix
up to 25% by weight of the polymer did not affect the polymerization temperature and setting
time. If the addition was done via dissolution in monomer phase, an increase in strain and
reduction in brittleness were observed [108].

B. Antibiotics
Surgical operating rooms have sterile conditions, but even under these conditions some bacteria
can pass through all of the protective barriers and contaminate the open body tissues during the
surgery. In order to prevent postoperative infections, some small quantities of antibiotics can
be added into the bone cement. Some scientists suggested that the destruction of microorganisms
in the tissues is more likely to be achieved by topical and intravenous administration of antibiotics
during the operation than by incorporation of antibiotics in the cement [109].
Adding small quantities of antibiotics into bone cement has been a topic studied by many
research groups. Two important points are the release of antibiotics from the cement matrix and
the effect of antibiotics on the properties of the cement. Separate experiments indicate that each
antibiotic can diffuse out from polymerized cement, and the concentration of each antibiotic is
consistently above the minimal inhibitory concentration of 96% of the isolates [110]. For example, when the prophylactic effect of gentamicin-containing bone cement on postoperative infections in total hip arthroplasties was compared with that of systemically given antibiotics, it was
observed that incidence of postoperative infections in the patients with gentamicin-containing
bone cement was less than the group which was treated with systemic antibiotic therapy. The
difference was statistically significant [111]. It was also reported that the presence of small
amounts of antibiotics in acrylic cement had no influence on the compressive and diametral
tension strengths of the cement. Mechanical tests demonstrated that adding a small amount of
antibiotic did not reduce the strength of the cement below acceptable standards, and did not
change the handling characteristics [112,113]. But contrary results were also reported. It was
claimed that addition of antibiotics caused a reduction in the fatigue life of bone cement [114]
and that large amounts of antibiotics decreased the compressive and tensile strengths of bone
cements [115].
Otsuka et al. reported that Cephalexin release from bioactive glass containing bone cements
was observed for more than 2 weeks and in some cases over 4 weeks, and the cements set in
5 min [116,117]. When Indomethacin was used as a model drug and loaded to a self-setting
bioactive glass bone cement and implanted in the subcutaneous tissue of the rats, maximal
release in a few days was reported with excellent biocompatibility [118].
In vitro gentamicin sulfate release from CMW 1 acrylic bone cements was studied by
Cabanillas et al. by using o-phthaldialdehyde as a derivatizing reagent, and it was reported that
the method is easy, quick, and reliable for the detection of antibiotics [119].
Frutos et al. [120] studied release of gentamicin sulfate from bone cements prepared from
CMW 1 with addition 2-hydroxyethyl methacrylate monomer to liquid and poly(N-vinyl-2pyrrolidone) to the solid components of CMW cement. A three-step model for release kinetics
which include initial burst, diffusion-controlled, and release from the formed cracks and pores,
was proposed. Sivakumar et al. [121] observed zero-order pattern for release of gentamicin from
coralline hydroxyapatite granules.
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Bone cements can be used as local drug carriers, and the release depends on the properties
of the carrier. If the release is too low, the concentrations of antibiotics will not be inhibitory
[122]. Bone cements can also be used for release of antineoplastic agents. Methotrexate release
from calcium phosphate systems was studied by Lebugle et al. [123]. In the in vivo studies,
which involved implantation in the external femoral condyle of rabbits, it was reported that
the circulating concentration of methotrexate was below toxic level and no local necrosis was
observed.

C. Fibers
Polymethylmethacrylate was first used for orthopedic implant fixation in total hip prostheses
in the 1960s and since then it has been used for stabilization of knee, shoulder, elbow, and other
prostheses. However, in the first applications many of the prostheses were removed because
fractures of the surrounding PMMA cement were significant [7]. Therefore many studies have
been carried out to improve the mechanical properties of bone cement. Early researchers tried
to improve the mechanical properties by using additives, and they carried out various mechanical
tests such as tensile, compressive, three-point bending, fracture toughness, and fatigue tests.
One of the effords for improving the properties of bone cement involves dispersing small
quantities (typically 1–2 vol%) of enforcing materials such as carbon [124], graphite [125],
aramid [126], bone particle [127,128], polyethylene [129], titanium [130], ultra high molecular
weight polyethylene [131], or PMMA [132] fibers in the cement matrix. Although most of the
results regarding the properties of these filamentary composite materials have been encouraging,
the biocompatibility issues regarding some of these fibers are not known yet [133]. Thus none
of these reinforced cements have been approved as yet by the FDA for clinical use.
The first attempt to use additives in bone cement was presented at the Fifth Biomaterials
Congress by Knoell in 1975. He proposed that adding small amounts of graphite fiber would
enhance the mechanical properties of bone cements [125]. In 1979 Wright and Trent [133]
studied aramid fiber reinforcement of bone cement and conducted both tensile and fracture
toughness tests with aramid fiber–containing cements and observed enhancement of mechanical
properties. By adding up to 7% aramid fibers having average lengths of 1.3 cm the tensile
strength of bone cement could be increased from 30.8 to 42.8 MPa, and the fracture toughness
from 1.53 to 2.85 MPa m1/2.
Saha and Pal studied carbon and aramid fiber reinforcement of bone cement. In their 1982
study they examined the stress relaxation, creep behavior, and other mechanical properties of
bone cement that had been reinforced by 6-mm long and 8-m thick chopped carbon fibers.
They observed that increased deformation due to creep in 24 h was reduced from 70 to 45%
by carbon fiber reinforcement, and stress relaxation in carbon fiber–reinforced specimens was
greater compared to unreinforced bone cement [134]. They also prepared bone cement specimens
containing 1% carbon fibers with 2 and 4% aramid fibers. Although all fiber-reinforced specimens exhibited good mechanical results, they found that adding 4% aramid fibers into the bone
cement formulation provided best improvement in compressive strength, and adding 2% aramid
fibers into the bone cement formulation provided best improvement in compressive elastic modulus [135].
Pourdeyhimi et al. [136] studied Kevlar 29威 fiber reinforcement of bone cement and
observed improved fracture toughness even at very low fiber contents. By adding up to 7%
Kevlar 29威 fibers, the flexural strength increased from 67.4 to 82.6 MPa, flexural elastic modulus
increased from 1.28 to 1.3 GPa, fracture toughness increased from 1.47 to 2.61 MPa m1/2.
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Wagner et al. [137] studied the use of high-performance polyethylene fibers and activated
the surfaces by oxygen plasma for a better adhesion in order to reinforce bone cement. But no
significant reinforcement was observed
Gilbert et al. [138,139] studied a self-reinforced composite PMMA (SRC-PMMA). They
described a composite material consisting of high strength, high ductility, and made of PMMA
fibers embedded in a PMMA matrix. The results of their study showed that the tensile strength,
tensile modulus, and tensile strain to failure were significantly greater for the SRC-PMMA
compared to the commercial PMMA cements.
Kim and Yasuda studied plasma surface treatment of fillers, and they provided chemical
attachment of those fillers to PMMA matrix that would lead to better mechanical results than
the previously reported results [140].
Fibers of PMMA were developed by Wright et al. in 2002 by extrusion of PMMA melt.
In the study, the effects of melt viscosity on the resultant properties of fibers were examined
and processing parameters were optimized. Fibers with ultimate tensile strength values in the
range of 60 to 225 MPa, moduli values from 1.5 to 3.5 GPa, and strain to failure from 10 to
40% were obtained. It is proposed that the fibers could be used in bone cement formulations
to improve their mechanical properties [141].
Murakami et al. developed rubber-toughened PMMA powder, and they reported that the
cement containing rubber demonstrated significantly high values in elongation and fracture
toughness compared to the ones prepared without rubber [142].

XI. MODIFICATIONS OF ACRYLIC-BASED BONE CEMENT
COMPOSITIONS
Polymethylmethacrylate has been used as a material for prosthetic fixation since the 1960s.
Since then it has been the basic molecule of acrylic-based bone cements. Alternatively, scientists
synthesized copolymers of MMA to improve the mechanical properties of bone cement. SimplexP威 (Howmedica) includes poly(MMA-co-styrene) in powder part, and Sulfix-6威 (Sulzer Brothers, Switzerland) includes poly(MMA-co-butyl methacrylate) in the powder and MMA and
BMA monomers in the liquid part. The curing temperatures of these two do not differ much
from the other commercial bone cements.
One method for improving the properties of bone cements involves the development of
new formulations. Large numbers of formulations have been introduced and these have constituents that differ marginally or markedly from those in the current generation of commercial
formulations. For example, a composition called Bioactive Bone Cement was presented
[143,144]. These cements consist of silane-treated CaO–MgO–SiO2 –P2O5 –CaF2 glass powder
as the filling particles and bisphenol-␣-glycidyl methacrylate–based resin as the organic matrix.
Some scientists started to work on bioerodible bone cement composites [145], wherein
as the polymer degrades, bone ingrowth would replace the volume and eventually the polymer
composite would be completely replaced by new bone. Domb et al. [146] synthesized some
degradable polymeric structures to use as bioerodible bone cement. They produced polypropylene fumarate (PPF), crosslinked it to methylmethacrylate monomer, and added tricalcium phosphate (TCP) and calcium carbonate to bone cement dough. The compressive yield strength of
the resultant bone cement was less than one-tenth of the ordinary bone cement. Gresser et al.
[147] formulated a resorbable bone cement from N-vinyl-2-pyrrolidinone (VP), the unsaturated
polyester polypropylene fumarate (PPF), and the inorganic filler tribasic calcium phosphate or
hydroxyapatite. Lewandrowski et al. [148] investigated an injectable form of a resorbable bone
cement based on in situ crosslinking of the unsaturated polyester poly(propylene glycol-co-
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fumaric acid) (PPF). They filled the material with calcium gluconate/hydroxyapatite (CG/HA)
and cured to a hard cement that was degradable by hydrolysis. They evaluated the osteoconductive properties of the injectable cement and observed good ingrowth of new bone into the cement
in vivo.
In the 1990s the search for new formulations of bone cements for the purpose of reducing
the curing temperature and the adverse biological effects became important. In 1992 Trap et
al. [149] tried a new formulation of bone cement: a methylmethacrylate/n-decyl methacrylate/
isobornyl methacrylate (MMA/DMA/IBMA) polymer called Boneloc威. They observed a considerable decrease of both released and residual MMA. Among the acrylic-based bone cements,
the commercial preparation which had the least curing temperature was Boneloc (Polymers
Reconstructive A/S, Farum, Denmark) [79,150–153]. In Boneloc the liquid part included 49.28%
methylmethacrylate, 29.57% n-decyl methacrylate, and 19.71% isobornyl methacrylate. The
powder part included 88.91% poly(MMA/DMA). Some studies involving Boneloc are summarized below.
In 1993 Nimb et al. [154] observed improved cortical histology at canine tibial diaphysis
after Boneloc application compared to inert bone wax and conventional PMMA applications.
They observed that the new formulation of the cement was characterized by a reduced exothermic
temperature at curing and reduced leakage of chemicals to the adjacent bone, so it was claimed
that new cement was better than PMMA bone cement in terms of both bone necrosis and repair
as well as bone remodeling.
In 1995 Wykman and Sanderjoo [155] investigated the thermal properties of Boneloc
during total hip replacement using a thermocouple connected to a digital thermometer. They
measured the peak temperature at bone–bone cement interface as 43⬚C, and they found no
difference regarding the setting time of the cement. But in the same year Suominen [156] reported
that Boneloc cement failure occurred in four of eight total hip replacements in 3 years. Similarly,
Havelin et al. [150] reported that Boneloc cement failure rate was six times greater than other
bone cements for acetabular components in total hip replacements performed on 760 patients.
In 2000, Walczak et al. [157] reported that aseptic loosening showed 79% survival in 4 years,
and failure of the bone cement was evident radiologically in 55% of the patients. These values
are significantly worse than the ones that were performed with other commercial products.
Therefore, the product was withdrawn from clinical use.
To summarize, the curing temperature of Boneloc bone cement was decreased by changing
the chemical composition of the polymer, but this composition did not have acceptable fatigue
strength. Strain-controlled fatigue tests of Boneloc produced good results, but stress-controlled
fatigue test results of Boneloc were all worse than the other commercial cements [79,157].
Pascual et al. [158] analyzed the effect of size and size distribution of polymethylmethacrylate beads on the classical kinetic parameters peak temperature and setting time for acrylic bone
cement formulations prepared with PMMA particles with diameters in the range 10–60 m and
a relatively wide size distribution. In addition, they studied the combined effects of the concentration of the free radical initiator benzoyl peroxide and the activator N,N-dimethyl-4-toluidine for
different particle sizes. They compared their data with those of commercially available formulations like CMW and Rostal. Their results indicated that the use of PMMA particles with average
diameter of 50–60 m and a relatively wide size distribution (10–140 m diameter) significantly
changes the curing parameters (peak temperature and setting time) of the cement formulations
in comparison with the classical behavior of the commercial systems CMW and Rostal, without
any noticeable loss in the mechanical properties. Pascual and coworkers found that as the PMMA
average bead size decreases, the peak curing temperature increases and the average curing time
decreases; as the concentrations of BPO or DMT decreases curing temperature decreases and
setting time increases.
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Vila et al. [159,160] investigated the effect of adding an elastomeric second phase, acrylonitrile–butadiene–styrene (ABS), into the liquid part of bone cement. They studied the effect
on the fracture toughness and fatigue crack propagation behavior of the modified polymethylmethacrylate bone cement. Their results showed that with an increase in ABS content ductility
and fracture toughness both increased, although both strength and stiffness decreased. The fracture toughness increased up to 60% when the amount of ABS reached 20% (v/v). They observed
a decrease in the crack propagation at between one and two orders of magnitude. Storage in
saline solution at 37⬚C also caused a decrease of about two orders of magnitude in the crack
propagation rate for the plain and modified cements prepared in air or under vacuum. In the
same study they found that porosity did not have any noticeable effect on the fatigue crack
propagation behavior of the cement.
Jayabalan et al. prepared random and block copolymers of poly(propylene fumarate-coethylene glycol) with addition of HA. They reported that these cements have low setting temperatures but low compressive strength [161].
In order to make the bone cement adhere to the bone and metallic prostheses, the cement
composed of 4-methacryloyloxyethyl trimellitate anhydride (4-META) and methylmethacrylate
as monomers and tri-n-butyl borane (TBB) as an initiator was evaluated in a few studies. The
results showed clear adherence of bone cement to both bone and metal [162–165]. Yang et al.
used azobisisobutyronitrile (AIBN) as one of the initiators of bone cements [166].
In order to increase the biocompatibility of the cements, compositions similar to protein
structure were developed by Muh et al. [167]. Amino acid–based dimethacrylate monomer was
prepared by adding hydroxyethyl methacrylate to lysine diisocyanate. Low volume shrinkage
and high thermal stability with good mechanical properties were observed. With addition of
hydroxyapatite the Young’s modulus increased from 3740 to 5250 MPa. Vazquez et al. [168]
derived acrylic bone cements with the use of tertiary aromatic amine derived from oleic acid
and acrylic monomer derived from the same acid. 4-N,N-Dimethyl aminobenzyl oleate was used
as activator. Cements demonstrated very low polymerization exotherm values ranging between
55–62⬚C. Also increase in strain to failure and decrease in Young’s modulus compared to
Palacos was observed. Partial substitution of MMA by oleyloxyethyl methacrylate caused significant increase in tensile strength and elastic modulus.
A. Calcium Phosphate Bone Cements
In bone structure, the main inorganic compounds are Ca3(PO4)2 , CaCO3, CaF2.3Ca3(PO4)2, and
CaCO3.3Ca3(PO4)2, which form complex crystals similar to those of the apatite group. Therefore
it is believed that addition of these kinds of substances would increase biocompatibility of
cements giving better anchorage to the bone.
Calcium phosphate bone cements (CPCs) contain different crystal structures [such as
alpha-tricalciumphosphate, beta-tricalciumphosphate, or hydroxyapatite, Ca10(PO4)6(OH)2] of
calcium phosphate granules dispersed in polymeric matrix. Calcium hydroxy apatite, commonly
called hydroxyapatite (HA), can also be defined in inorganic chemistry as calcium phosphate
fluoride hydroxide chloride. The general formula is Ca10(PO4)6(F,OH,Cl)2. Biological apatites
exist in calcified tissues such as enamel, dentin, and bone, and they differ from pure HA in
stoichiometry, composition, and crystallinity. Some minor elements (e.g., Sr2Ⳮ, Pb2Ⳮ, Ba2Ⳮ,
etc.) may also exist in apatite structure.
Hydroxyapatide is proven to be a biocompatible material and it is osteoconductive
[169–172], i.e., hydroxyapatite strongly integrates with bone [169]. So a large number of studies
were carried out on addition of hydroxyapatite into bone cement formulations in order to improve
mechanical strength as well as to enhance biocompatibility of the cement. It was observed that
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existence of inorganic materials decreases the mechanical properties of bone cements. Therefore,
the use of self-curing calcium phosphate cements is limited to non-load-bearing applications.
Some of them are resorbable and only used in bone graft applications [173]. There are also
studies to strengthen the commercial CPCs by adding various chemicals. It was reported that
addition of polycations poly(ethyleneimine) and poly(allylamine hydrochloride) exhibited compressive strength six times greater than the pure alpha-BSM trademark material [174].
Two paste systems containing HA were developed by Saito et al. [175]. One paste contains
HA granules, the monomer of bisphenol A–glycidyl methacrylate and 2,2-bis-(4-methacryloyl
ethoxyphenyl)propane and triethyleneglycol dimethacrylate in 35:35:30 w/w ratios and benzoyl
peroxide as initiator. The other paste includes HA powder, acrylic monomers and diethanol-ptoluidine as accelerator. It was reported that tensile and bending strength values of these cements
were higher than PMMA cements.
Giunti et al. observed enhanced mechanical properties as well as a decrease in curing
temperature for hydroxyapatite-added bone cements [170]. Castaldini and Cavallini also observed a decrease in curing temperature for the cements that contain HA in the powder part
[171].
Park et al. examined properties of bone particle–impregnated PMMA and reported that
the elastic modulus increased from 2.82 to 3.50 GPa by adding up to 35% bone particles into
bone cement formulation [127].
Dandurand et al. proposed that HA impregnation into the acrylic bone cement decreased
the mechanical strength [172]. They linked the PMMA powder and HA by using thermally
stimulated current and obtained better mechanical characteristics than the ordinary PMMA bone
cement. Mongiorgi et al. reported that the curing temperature of the bone cement decreased
from 100 to 58 ⬚C by adding 66 % ␣-tricalcium phosphate (␣-TCP) [176].
Deb et al. [177] studied water absorption characteristics of modified hydroxyapatite–reinforced poly(ethyl methacrylate-n-butyl methacrylate) (PEMA-nBMA) bone cements. They found
that the introduction of HA reduced the water uptake of the bone cement, with a further decrease
if the HA filler was surface treated with a silane coupling agent.
Yang et al. [178] prepared a kind of organic/inorganic hybrid material, polymethylmethacrylate-SiO2 (SiO2 content 72% w/w) by incorporating PMMA covalently into an SiO2 glass
network via the sol-gel approach. They examined the effect of the addition of tricalcium phosphate (TCP), hydroxyethyl methacrylate (HEMA), and ethylene glycol dimethacrylate
(EGDMA) on the properties of the sol-gel hybrid bone cement. They found that the addition
of TCP increased the Young’s modulus and the polymerization time; a decrease was observed
for the tensile, bending, and compressive strengths and the polymerization temperature.
Kwon et al. studied biocompatibility and mechanical properties of 10 and 30% HA-impregnated bone cement formulations. Their mechanical test results showed significant decrease of
the flexural and diametral tensile strength linear with the increased amount of HA, but a significant increase of the attachment of bone cement to bone tissue [179].
Morita et al. added 4-methacryloxyethyl trimellitate anhydride (4-META) into MMA
monomer as an adhesion promoting agent. They obtained an improvement in mechanical properties without disturbing the biocompatibility of the HA-containing bone cement [180].
Yang et al. used dynamic mechanical analysis (DMA) to characterize the properties of
acrylic bone cement with the addition of tricalcium phosphate, hydroxyethyl methacrylate, and
ethylene glycol dimethacrylate [181]. They confirmed that TCP was incompatible with bone
cement and they found that by adding HEMA and EGDMA to bone cement that contained TCP,
the incompatibility between acrylic bone cement and TCP could be ameliorated.
Vallo et al. [182] examined the influence of HA filler proportion on the flow characteristics,
mechanical properties, and residual monomer content of the resultant composite. It was found

274

Serbetci and Hasirci

that degree of polymerization was not affected by the addition of HA, and porosity and the pore
size of the hardened bone cement increased with increasing amount of the particulate filler.
Their results showed that the workability of the modified formulation limited to a maximum of
15% w/w incorporation of the ceramic filler. In their study, up to 15% HA in the powder
component of the bone cement increased the flexural modulus from 2 to 2.5 GPa. For the samples
having 2.5% HA, compressive strength increased up to 4% higher than that of the unreinforced
cement, but began to decrease when HA percentage increased more. Bone cement formulations
containing proportions of HA higher than 2.5% displayed similar values of compressive strength
compared to the unreinforced cement. Similarly, the samples having 2.5% HA displayed a
maximum average value of 1.62 MPa m1/2, which is statistically higher than the fracture toughness of the unreinforced cement, 1.33 MPa m1/2, but began to decrease when HA percentage
increased more. It was found that the compressive yield strength of the modified bone cement
having 15% HA in the powder component was slightly lower than the unreinforced cement,
and fracture toughness of the modified bone cement having 15% HA in the powder component
was slightly higher than the unreinforced cement [182].
Curing time and cure duration of HA-containing bone cement was investigated monitoring
the propagation of ultrasonic pulses through a sample of curing bone cement, and it was reported
that cure time was not significantly affected by the addition of HA particles [183]. Hydroxyapatite-containing PMMA bone cement formulations were developed by Serbetci et al., and it was
reported that addition of hydroxyapatite decreased the polymerization temperature and increased
the compressive strength [184].
Physicochemical, biological, and handling properties of an injectable calcium phosphate
bone cement were examined by Ooms et al. by implanting the paste into femoral trabecular
bone of goats [185]. X-ray diffraction studies showed that cement had set as an apatite with
formation of new bone and without any inflammatory reaction of fibrous encapsulation.
In apatite cements some certain porosity is needed to assure that new bone tissue grows
in it. Beruta et al. prepared porous bone substitute compounds by mixing aqueous dispersions
of ␣-tricalcium phosphate grains and calcium-deficient hydroxyapatite powders with PMMA
[186]. The inorganic powders placed in the polymeric matrix acted as local microsponges, and
new bone formation was observed in the pores when implanted in rabbits.
Nilsson et al. prepared partially resorbable bone cements containing an apatite phase with
a resorbable phase by mixing ␣-tricalcium phosphate, calcium sulfate hemihydrate and aqueous
solutions of sodium hydrophosphate [187]. Lu et al. studied the biodegradation mechanism of
HA and ␤-tricalcium phosphate structures implanted into cavities in rabbit femoral and tibiae
condyles [188]. They concluded that biodegradation was rapid in ␤-tricalcium phosphate and
was very weak in hydroxyapatite structures.
Arcis et al. studied mechanical properties of light-curing polymers by adding micro- or
nanoparticles of hydoxyapatite modified with citric, malic, acrylic, or methacrylic acid [189].
They reported that addition of hydoxyapatite increased Young’s modulus and surface hardness
of the material, but caused a decrease in flexural strength. Surface modification of hydroxyapatite,
especially for micro samples, favored mechanical properties. The effect of citric acid on the
setting properties of injectable calcium phosphate bone cement was studied by Sarda et al. [190].
Addition of citric acid retarded dissolution precipitation reactions and increased compressive
strength.
Injectable calcium phosphate bone cements were implanted in bone defects at the distal
end of rabbit femora by Khairoun et al. [191]. Examinations with scanning and transmission
electron microscopies showed good biocompatibility with direct contact of the cement and bone.
Crystalline carbonate and sodium carbonate substituted hydroxyapatite powders were prepared by Suchanek et al. [192]. It was reported that chemical composition and crystallinity of
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these powders were similar to those of mineral constituents of hard tissues. Therefore it was
proposed that these materials can be used for fabrication of bone-resembling implants.

B. Glass Based (Bioactive) Bone Cements
Bioactive materials are ones that achieve a specific biological response at the interface of the
biomaterial which forms a bond between the tissues and the material. Generally the formed
layer is biologically active hydroxycarbonate apatite, which is chemically and structurally equal
to the mineral phase of the bone. The thickness and the strength of the bonding depends on the
chemical composition [193–195].
Clinical applications of bioactive glasses and glass ceramics are concentrated on non-loadbearing applications such as middle ear surgery to replace damaged ossicles [196], in vertabral
surgery [197], or in dentistry.
The reactions taking place in the interface occurs in various stages. The first is ion exchange
and in this step NaⳭ or KⳭ ions exchange with HⳭ ions. The second step is dissolution of
silica network forming soluble Si(OH)4 . The third step is deposition of a SiO2-rich layer on
the surface containing alkali or alkaline earth cations. The fourth step is migration of Ca2Ⳮ and
PO43ⳮ groups to the surface and formation of Ca-P containing film. And the fifth step is
crystallization of this film by incorparation of OHⳮ, CO32ⳮ, or Fⳮ ions forming hydroxyl,
carbonate, or fluorapatite layers [198,199]. It was reported that the depth of the calcium- and
phosphate-enriched surface reaches 20 nm in 2 min and reaches 200 nm in an hour [200].
Some bioactive glasses include materials such as Bioglass威; bioactive glass ceramics such
as Ceravital威; AW glass ceramics, dense hydroxyapatite such as Durapatite威 and Calcitate威; or
bioactive composites such as polyethylene–Bioglass, polysulfone–Bioglass, and polyethylene–hydroxyapatite Hapex威 mixtures [201,202].
Many bioactive silica glasses contain five Ca for each P as molar ratio and 45% (w/w)
SiO2. It was reported that glasses do not bond to bone if the Ca/P ratio is substantially lower
than 5:1 [203]. Gross et al. reported that addition of Al2O3, Ta2O5, TiO2, Sb2O3, and ZrO2 into
bioactive silica glass ceramics (Ceravital) inhibit bone formation [204,205].
Some mica-containing bioactive multiphase glass ceramics were found to form bonds with
bone even though they have Al2O3 in their structures [206,207]. For various glass compositions
prepared from the powders of (NH4)2HPO4, Ca(OH2), and Na2CO3, the setting times were found
to be in the range of 7 min to over 3 h [208].
Tamura et al. [209] studied glass or glass ceramic powder containing bone cements of
bisphenol A–glycidyl methacrylate and implanted them into the tibial metaphyses of rabbits.
They reported that the ones containing glass ceramic powder were stronger than the others.
Kobayashi et al. [210] compared bone-bonding strengths of bone cements containing apatite
and wollastonite (AWC), glass ceramic, hydroxyapatite, and beta-tricalcium phosphate with
organic matrix of Bis-GMA. X-ray microanalysis showed that AWC had contacted to the bone
with Ca-P rich layer when implanted to rabbits and demonstrated higher failure loads than the
others.
Bioactive beads consisting of MgO–CaO–SiO2 –P2O5 –CaF2 glass at various sizes were
added into PMMA polymeric matrix at different proportions and packed into the intramedular
canals of rat tibiae to examine osteoconductivity. It was reported that as the glass bead size
decreased and the content increased, compressive strength and elastic modulus values as well
as affinity index were also increased [211,212]. Addition of phosphoric ester monomer to the
cement as an adhesion-promoting agent increased the bending strength and decreased Young’s
modulus [213].
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Glass ionomer cements, which are used in dentistry, set rapidly and have good mechanical
strength, but it was reported that the presence of even a small quantity of polyacrylic acid inhibits
apatite formation in the body environment [214].
Apatite and wollastonite containing glass ceramic (AW-GC) powder was developed and
mixed with bisphenol A–glycidyl dimethacrylate–based resin. It was reported that AW-GC
particles were completely absorbed and replaced by new bone when implanted into tibial metaphyses of rabbits [215].
Partially crystallized glass beads added (70% w/w) into a PMMA matrix increased the
bending strength and achieved very high osteoconductivity, and these cements were proposed
for weight-bearing conditions [216].
Bioactive glasses are also used for coating the metallic implants to achieve better bonding
between metal–glass and glass–bone interfaces. Some bioactive glass materials bond to soft
tissues as well as to hard bony structures [217,218].
C. Two-Solution Acrylic Bone Cement
In order to obtain homogeneous dough structures, two-solution systems such as solutions of
polymethylmethacrylate powder predissolved in methylmethacrylate have been developed.
These cements follow the same addition polymerization reactions as commercial ones. But it
was reported that porosity is eliminated by mixing and delivering via a closed system, decreasing
the dependence of material properties on the surgical technique. In this study, two solutions of
constant polymer-to-monomer ratio (80 g of PMMA:100 mL of MMA) were prepared and
benzoyl peroxide initiator was added to the first solution, while N,N-dimethyl-p-toluidine activator was added to the second. It was reported that these two-solution cement compositions are
comparable to Simplex P bone cement in polymerization exotherm and setting time and demonstrate flexural mechanical properties and flexural strengths and moduli higher than commercial
Simplex P. Residual monomer content was significantly affected by both the individual concentrations of BPO and DMPT, and their molar ratios and had significantly higher residual monomer
contents versus Simplex P; however, this can be attributed to their higher initial monomer
concentration rather than a lower degree of conversion [219,220].
XII. CONCLUSION
Bone cements are substances based on acrylic polymers and are used in orthopedic and dental
applications. Bone cement research is concentrated on enhancing mechanical properties and
improving biological compatibility. As mentioned previously some studies attempt to decrease
porosity by adjusting the ambient temperature or mixing techniques or to increase strength and
compatibility by altering chemical composition by using acrylates other than PMMA or by
adding various chemicals (such as co-polymers of acrylates, fibers, antibiotics or inorganic
components such as HA and bioglass). There is a very delicate balance in the combination of
all chemicals; therefore, an intense care should be taken and all the properties should be checked
before any application, since each additive through improving one property may cause a weaking
in other properties.
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I. BONE GRAFTS AND BONE SUBSTITUTES
Orthopedics has long been associated with the development of tissue engineering techniques
and biomaterials through the use of bone grafting techniques, including autograft, allograft, and
xenograft, as well as through bone lengthening techniques with distraction osteogenesis; fixation
devices made of metal, ceramic, or biodegradable materials; and organic or nonorganic bone
substitutes. However, in the current clinical scene, when bone grafts are required autogenous
bone grafting has been the gold standard because of its obvious advantages in osteogenic capacity, osteoconduction, mechanical properties, and the lack of adverse immunological response.
In fact, autograft accounts for nearly 70% of surgical procedures involving bone grafts or bone
substitutes in Japan according to a survey by the Japanese Orthopedic Association. [1] On the
other hand, autogenous bone grafting techniques have some limitations, [2] such as the requirement of additional surgery for harvesting and the availability of grafts of the correct size and
shape. Furthermore, autograft techniques all carry the risk of donor site morbidity, [3–5] which
can include long-lasting pain, fracture, nerve damage, and infection, none of which are experienced when other techniques are employed.
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Although allogeneic bone is widely used in the United States, its use is quite limited in
Japan, accounting for as little as 3% of procedures. [1] This is probably due to the lack of a
well organized tissue bank system such as the Musculoskeletal Transplant Foundation in the
United States as well as religious or philosophical difficulties with utilizing tissue from other
people or corpses. In addition, allograft carries the risk of a host immune response, which can
sometimes result in complete resorption of the transplanted grafts or transmission of occult
disease. [6]
Among the various biomaterials, calcium hydroxyapatite (HA) is considered biocompatible, nonimmunogenic, and osteoconductive, and HA-based materials have been employed in
the field of bone repair for over 20 years. [7–12] Numerous products for clinical use as bone
substitutes have been granted approval by the U.S. Food and Drug Administration and the
Ministry of Health, Labour, and Welfare (OPSR) of Japan. In Japan, synthetic HA ceramics,
including both solid and porous forms, have been widely used because of their availability and
the variety of designs and sizes. Porous HA ceramics in particular were expected to encourage
host bone ingrowth in the porous structure and to be incorporated into host bone. However,
recent clinical studies have revealed that the pores are not replaced by new bone for a substantial
period of time, probably due to limited interconnection of pores. Ayers et al. reported that bone
ingrowth had penetrated into porous HA implants no further than 300 m from the interface at
4 months after implantation in humans. [13]

II. PORE SIZE, POROSITY, AND INTERCONNECTIVITY
Several researchers have explored the optimal pore size for in vivo osteoconduction and 150 to
500 m in diameter was reported to be optimal. [14,15] These studies were not focused on the
size of interpore connections but on the size of the pore itself. However, both the rate and
distribution of osteogenesis around and throughout the implant are affected by the size and
number of interconnecting channels, and pore size and porosity may not be the primary determinants for osteoconductivity.
Several reports claim that natural coral-derived HA, which also has an interconnected
porous structure, shows good osteoconductivity. [10,16] Although this product holds the top
share in the bone substitute market in the United States, there are some limitations, such as
negative impact on the environment, fragility, and the possibility of disease transmission. [17]
Therefore, when a three-dimensional structure that considers interconnecting porosity is included
in the design of synthetic porous HA ceramics, the result could be an ideal bone substitute that
may replace autogenous bone grafting. Increasing the porosity or pore size theoretically increases
the interconnectivity of the pores, but also weakens the strength of this graft material. [15] Thus,
engineering an ideal porous HA ceramic that confers mechanical support and promotes bone
ingrowth has, until now, proven difficult for biomaterial specialists.

III. SYNTHETIC FULLY INTERCONNECTED POROUS HYDROXYAPATITE
CERAMICS
The conventional method used to manufacture synthetic porous HA ceramics is by sintering an
HA slurry mixed with organic polymer beads. [18] The polymer beads melt and vaporize during
the sintering process, eventually leaving pores in the ceramic material. However, as shown in

Interconnected Porous Hydroxyapatite Ceramics

289

Fig. 1, the pores resulting from this method are irregular in size and shape and not fully interconnected with one another.
Together with Toshiba Ceramics, MMT, and the National Institute for Materials Science
Biomaterials Center, we recently developed a fully interconnected porous HA ceramic (IP-CHA)
featuring 75% porosity, 150-m average pore size, and 40-m average interpore connections
by adopting the foam-gel technique. [19] This approach involves a crosslinking polymerization
step that gelatinizes the foamlike CHA slurry in a rapid manner, thus promoting the formation
of an interconnected porous structure. Briefly, the new method is as follows:
1. Slurry preparation: slurry was prepared by mixing hydroxyapatite (60 wt%) with a
crosslinking substrate (40 wt% polyethyleneimine).
2. Foaming and gelatinization: the slurry was mixed with a foaming agent (1 wt%
polyoxyethylene lauryl ether) and stirred until the mixture had a foamy appearance.
Pore size was controlled by regulating the stirring time.
3. Gelatinization: to gelatinize the foamed slurry, another water-soluble crosslinking
agent (poly functional epoxy compound) was added, and the mixture was cast by
pouring into a mold. The porous structure stabilized in less than 30 min. The foamy
HA gel was removed from the mold, dried, and sintered at 1200⬚C.
A. Macro- and Microstructure and Mechanical Properties of IP-CHA
Scanning electron microscopy (SEM) analysis revealed that most of the IP-CHA pores were
spherical, similar in size, approximately 100 to 200 m in diameter, and showed uniform connec-

Figure 1 SEM photographs of macro/microstructures of synthetic porous HA ceramics currently used
in Japan. The materials were manufactured by (A) Asahi Optical Co., Ltd. (manuf. A), (B, D) Mitsubishi
Material Corp. (manuf. M) and (C) Sumitomo Osaka Cement Co., Ltd. (manuf. S). Magnification: (A,B,C)
150 ⳯; (D) 20,000 ⳯.
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tions with one another (Fig. 2). On the other hand, the pores of commercial synthetic porous
HAs available in Japan (Fig. 1A-C), manufactured by Asahi Optical (manuf. A), Mitsubishi
Material (manuf. M), and Sumitomo Osaka Cement (manuf. S), respectively, were separated
by irregular, relatively thick walls, and interpore connections were sparsely distributed. The
wall surface of IP-CHA was very smooth and HA particles were lined closely to one another
and bound tightly (Fig. 2), while the surfaces of the other HAs were very rough and the particles
were loosely attached one another (Fig. 1D).
In IP-CHA, the majority of the interpore connections ranged from 10 to 80 m in diameter,
with a maximum peak at about 40 m, which would theoretically be permissive to cell migration
or tissue invasion from pore to pore. [20] Interpore connections larger than 10 m accounted
for as much as 91% of the total porosity in IP-CHA. The calculated available porosity, the
proportional volume of pores in the material that were connected by interpore connections larger
than 10 m in diameter, was 73.4% (total porosity) ⳯ 0.91 ⳱ 67.1% in IP-CHA. However,
the diameter and the total number of the interpore connections were much less in the other
synthetic HAs. The calculated available porosities of the commercial synthetic porous HAs
ranged from 2.5% to 36.7%, which is much less than that of IP-CHA. The compression strength
of IP-CHA is 12 MPa and that of the commercially available synthetic porous HAs ranges from
4.8 to 60 MPa, while the compressive strength of cancellous bone is 1–12 MPa. [21] Taking
the porosity of IP-CHA into consideration, its initial compressive strength is above average.
This is probably because the HA particles in the framework of IP-CHA are tightly bound to

Figure 2 SEM photographs of macro/microstructures of IP-CHA. Spherical pores (100–200 mm in
diameter) were divided by thin walls and interconnected. Wall surface is very smooth, and HA particles
were tightly bound.
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one another, as is seen in solid form HA ceramics. The structural characteristics and compression
strength of IP-CHA and porous HAs available in Japan are summarized in Table 1.
B. Bone Ingrowth in Vivo
Macroporosity is known to influence the biological performance of calcium phosphate in vivo.
Holmes et al. reported that pores of approximately 100 m in diameter could provide a framework for bone growth into the pore volume, which then becomes vascularized easily. [22] Most
of the pores of IP-CHA are large enough to meet such criteria and, more importantly, the pores
are fully interconnected and more likely to allow bone ingrowth. We histologically analyzed
bone ingrowth in cylindrical blocks (6 mm in diameter) of IP-CHA and the other synthetic
porous HAs using the rabbit femoral condyle model. Within 6 weeks after transplantation of
IP-CHA, mature bone tissue ingrowth was seen in all the pores throughout the block (Fig. 3A).
In the pores, bone formation through interpore connections with osteoblastic rimming, bone
marrow, and vessels were observed. At 6 months, the pores facing host cortical bone were
occupied with dense bone matrix, while the pores surrounded by fatty marrow were mostly
replaced by bone marrow tissue accompanied by a thin layer of bone matrix on the internal
surface of the pores (Fig. 3B).
Figure 4A shows the histology of the central area of the tested porous HA blocks at 3
and 6 weeks after implantation. The penetration of bone tissue into the central pores, as deep
as 3 mm from the surface, was seen in most animals with IP-CHA within 3 weeks and in all
animals within 6 weeks. However, tissue penetration in the other synthetic porous HAs was
limited, and the degree of bone tissue penetration was proportional to the calculated available
porosity of the HA used. These results suggest that calculated available porosity is one of the
most important factors in determining the capacity of bone ingrowth in the porous scaffold. The
summarized data of in vivo bone ingrowth are shown in Fig. 4B.
We also examined the sequential change in the compression strength of the IP-CHA
implanted in rabbit femoral condyle. The initial compressive strength of IP-CHA was approximately 10 to 12 MPa. The implanted IP-CHA steadily increased its compressive strength with
time until 9 weeks after implantation, finally reaching a value of about 30 MPa. Such an increase
in strength resulting from bone tissue penetration enhances the mechanical stability of the implant
at the defect site.
C. Clinical Application in Orthopedic Surgery
As we reported previously, [11,12] porous HA is a good material to replace the bone defect in
treating benign bone tumors because of its biocompatibility, osteoconduction, and convenience,

Table 1 Structural Characteristics and Compressive Strengths of Synthetic Porous Hydroxyapatite
Ceramics

IP-CHA
Manuf. A
Manuf. M
Manuf. S

Overall
porosity
(%)

Calculated
available
porosity (%)

Average pore
diameter
( m)

Range of pore
diameter
( m)

73.4
50.5
64.5
47.6

67.1
28.5
36.7
2.5

191
242
268
176

30–400
80–500
40–500
30–400

Inter
Compressive
connection
strength
diameter ( m)
(Mpa)
39
22
15
⬍1

12.0
32.3
8.0
60.5
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Figure 3 HE-stained histological sections of IP-CHA implanted in rabbit femoral condyle (A) 6 weeks
and (B) 6 months after implantation. (A) New bone matrix (arrowheads) and bone marrow tissue (BM)
penetrated into the central portion of the cylindrical IP-CHA block (HA) (6 mm in diameter) through
interconnections (arrows). (B) At 6 months, pores facing the cortex were filled with dense bone matrix,
and pores surrounded by fatty marrow were filled with fatty marrow and had thin layers of bone.

and it eliminates the need for autograft harvesting procedures. However, as a late complication,
pathological fractures of the implanted sites have been reported. [12] This is probably due to
poor bone ingrowth in the material as a result of poor incorporation of the material into host
bone. If bone ingrowth throughout the porous HA implant is achieved more quickly, such late
complications could be avoided.
We applied IP-CHA as a bone substitute for the treatment of 25 patients with benign bone
tumors at Osaka University Hospital and affiliated hospitals. The average age of the patients
was 47 years (range 22 to 75). Histological diagnoses were enchondroma in ten, giant cell tumor
of bone in three, and others in twelve patients. The tumors were located in the upper extremities
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Figure 4 (A) Sequential photomicrographs of central areas of synthetic porous HAs implanted in rabbit
femoral condyle at 3 and 6 weeks after implantation. Penetration of bone tissue into central pores was
seen in most animals with IP-CHA by 3 weeks and in all animals by 6 weeks. However, tissue penetration
into other synthetic porous HAs was limited. (B) Average depth of new bone penetration from the surface
of synthetic porous HAs at 3 and 6 weeks after implantation.
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in thirteen, lower extremities in nine and pelvis in three. Mean follow-up period was 16 months
(range 3 to 30 months). After adequate removal of the tumors, IP-CHA blocks and/or granules
of 2 to 5 mm in diameter were used to fill the bony defects. Particular care was taken not to
leave any space and, at the same time, not to apply excess pressure to break the material or its
porous structure. In some cases, fibrin glue was used to keep the IP-CHA in position. If necessary,
the blocks were carved using surgical air-tome with diamond bur. An internal fixation device
was used in one case with an aneurysmal bone cyst of the femoral neck. No patients who were
implanted with IP-CHA exhibited any signs of host inflammatory reaction, rejection, infection,
or abnormal results in blood tests. Two patients with giant cell tumor of bone developed local
recurrences.
Radiographic examinations were periodically carried out and revealed that the radiolucent
line between the implanted IP-CHA and host bone tended to decrease with time after operation
and eventually disappeared. The radiographic density at the implanted site increased with time,
and the IP-CHA granules appeared to fuse with one another, eventually forming a dense radiopaque shadow (Fig. 5A, B). These radiological findings were interpreted as bone regeneration
around the IP-CHA implants; in other words, incorporation into host bone.
Radiological evaluation criteria for the degree of incorporation of the implant into host
bone were as follows:
Grade 0. osteolysis (increase of radiolucency around the implant)
Grade 1. no change
Grade 2. minor incorporation (minor increase of radiographic density of the implanted
area and disappearance of radiolucent line between the implant and host bone)
Grade 3. major incorporation (major increase of radiographic density and/or disappearance
of discrimination between IP-CHA granules)
As shown in Fig. 5D, IP-CHA incorporation in host bone on radiographs was observed in 72%
of the cases by 2 months and in all cases by 3 months. At 6 months after operation, all cases
showed major incorporation, which is much more rapid than seen in our previous experience with
other commercial porous HAs. [12] Neither pathological fracture nor deformity was observed at
the implanted site based on radiographic examinations during the follow-up period.
Some of the cases showed interesting radiographic changes, as shown in Fig. 5B. The
radiographic density of the implanted site greatly increased within 3 months after implantation,
while in the peripheral areas the expanded cortex exhibited self-correction with time. Moreover,
at 12 months a radiolucent band seemed to appear in the bone axis, suggesting the regeneration
of bone marrow cavity. These findings also indicate good incorporation of IP-CHA into host
bone and, possibly, biodegradability by being involved in the host bone remodeling process at
the implanted site.
We also applied IP-CHA to treat nonunion of fracture sites. Fig. 5C illustrates the radiographs of a representative case. After the removal of interposed fibrous tissue between bone
fragments, IP-CHA granules were implanted in the defect together with fresh autogenous bone
chips. The nonunion was successfully treated within 6 months following surgery with abundant
callus formation and increased radiodensity of the gap between host bone fragments. We have
treated only three cases of nonunion in this manner, but complete union with incorporation of
the IP-CHA granules was accomplished in all cases. In these cases, the amount of necessary
autogenous bone was reduced by using IP-CHA as a bone substitute.
However, it should be noted that our favorable results in clinical use are based only on
radiographic findings because we do not currently have an effective noninvasive method to
evaluate bone ingrowth in the implants. Biopsy of the IP-CHA implant site was performed with
informed consent at the time of revision surgery for the treatment of recurrent tumor 10 months
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Figure 5 Results of the clinical application of IP-CHA in treatment of patients with (A,B,D,E) benign bone
tumors and (C) nonunion. (A) Radiographs of an aneurysmal bone cyst in a 35-year-old male immediately
after, and at 3 and 6 months after surgery. Ten grams of IP-CHA granules (2 to 5 mm in diameter) were
implanted and reinforced by hip screw/plate. Radiopacity increased and discrimination between granules disappeared with time. (B) A case of an enchondroma of mid-phalanx, 28-year-old male. As radiodensity increased, expansive deformity of the affected bone self-corrected. At 12 months, a radiolucent band seemed
to appear in the axis of the phalanx, suggesting regeneration of the bone marrow cavity. (C) Nonunion of the
proximal diaphysis of the femur, 19-year-old male. IP-CHA granules were implanted together with autogenous cancellous bone chips harvested from iliac crest. Note the abundant external callus formation and disappearance of the gap at 6 months. (D) Radiographic evaluation of the incorporation of IP-CHA implanted to
bone defects in patients with benign bone tumors. Vertical axis represents the proportion of patients in each
grade to all patients. See text for grading criteria. (E) Histological section of IP-CHA recovered from a patient
with recurrent giant cell tumor of bone 10 months after initial surgery. Most pores were replaced with newly
formed bone in this section.
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after initial implantation. Histological examination revealed that most of the pores were replaced
with newly formed bone (Fig. 5E). Although we do not have much data regarding the depth of
new bone penetration into the IP-CHA implant in human bone, such histological observations
are encouraging.
D. Scaffold for Bone Tissue Engineering
The main principle of current tissue engineering strategy for bone replacement is to use a
combination of osteoconductive porous scaffold and osteoinductive molecules with appropriate
carriers or osteogenic cells. [23,24] Osteoinductive factors such as bone morphogenetic protein2 (BMP-2), [23] osteogenic protein-1 (OP-1, also known as BMP-7), and fibroblast growth
factor-2 (FGF-2) mixed with natural or synthetic carriers such as collagen as well as polylactide–based synthetic polymers can be implanted along with porous scaffolds. The scaffolds
can be prefabricated with osteoblasts or mesenchymal osteoprogenitor cells, usually from autogenous bone marrow cell aspiration, cultivated for several weeks, and then implanted into bony
defects. [24] The latter approach is exclusively for larger bone defects or to treat poor bone
healing conditions.
The requirements for a scaffold in bone tissue engineering are (1) biocompatibility (should
not induce host inflammatory reaction), (2) osteoconductivity (material itself should support
migration of new bone onto its surface), (3) interconnected-porous structure (should allow bone
ingrowth and nutrient supply), (4) appropriate mechanical strength (should tolerate mechanical
load until integration into host bone is completed), and (5) biodegradability (either by simple
hydrolysis at an appropriate rate coupled with new bone formation or by active resorption by
osteoclasts as a part of normal bone remodeling). HA is a well-characterized material with
biocompatibility and osteoconductivity, and the pores of IP-CHA have a well-organized 3D
interconnective structure. Compression strength of IP-CHA is equal to or higher than cancellous
bone (1–12 MPa) and coralline HA (2–4 MPa), [25] which has been used both clinically and
in several studies on cell-based bone tissue engineering. Although data regarding biodegradability are still limited, IP-CHA seems to meet most of the requirements as a scaffold for bone
tissue engineering. Moreover, such a synthetic scaffold can be prefabricated into specific sizes
and shapes to match bone defects, and even into composite with solid form of HA in order to
reinforce its initial mechanical strength (Fig. 6).
We investigated whether IP-CHA can be utilized as a scaffold for cell-based bone tissue
engineering using a rat subcutaneous model. In this study, we used bone marrow-derived mesenchymal stem cells as a source of bone producing cells. [26] Bone marrow cells were collected
from the femur of 7-week-old Fischer 344 rat and were cultivated in minimal essential medium
supplemented with 15% fetal bovine serum. Cells were trypsinized and a cell suspension of 106
cells/mL was prepared. IP-CHA discs (R⳱5 mm, h⳱2 mm) were soaked in the cell suspension
overnight and further cultured in the same medium with ␤-glycerophosphate, ascorbic acid, and
10ⳮ8 M dexamethasone for 14 days. The discs were then implanted into the subcutaneous tissue
of rats and harvested 2 or 4 weeks after implantation. Histological examination revealed that
newly formed bone replaced approximately half of the pores within 4 weeks, and the remaining
pores were filled with fibrous connective tissue accompanied by blood vessels (Fig. 7). Alkaline
phosphatase activity, a marker for osteoblastic differentiation, of the harvested implants was
increased with time, suggesting a steady increase in new bone formation in the pores. Therefore,
IP-CHA seems to provide a good scaffold for cell-based bone tissue engineering.
E. Vascular Prefabrication
Vascular network invasion into porous implants is another important aspect of using such materials as bone substitutes for large bone defects or in the construction of tissue-engineered bone,
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Figure 6 SEM photograph of the solid/interconnected porous HA composite. Magnification: 35 ⳯.

Figure 7 Histologic section of the IP-CHA and bone marrow-derived culture-expanded osteoprogenitor
cells recovered from rat subcutaneous tissue 4 weeks after transplantation. Pores were filled with newly
formed bone and some parts of the bone surface were lined with plump osteoblasts.
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because cells cannot survive farther than a few hundred micrometers from a nutrient supply.
The rate of new bone ingrowth into the porous material depends on vascular invasion from the
surface of the implant, which is not fast enough in large implants to transport nutrients to cells
transplanted in pores of the implant. Therefore, we examined if prefabrication of IP-CHA with
a vascular bundle enhances vascular network invasion into the pores via interpore connections.
As shown in Fig. 8, when an IP-CHA cylindrical block was prefabricated with rat superficial
inferior epigastric vessels, vascular invasion in the pores increased both in number and size
compared to the control, resulting in more abundant fibrous connective tissue formation. Our
findings suggest that inserting a vascular bundle into such interconnecting porous implants at
the site of implantation supports vascular network invasion, which may eventually enhance bone
ingrowth in the implants. This technique may be also useful for constructing cell-based tissueengineered bone, since transplanted cells cannot survive without a nutrient supply. This kind
of approach to support blood supply generation in porous biomaterials has also been reported
by others using subcutaneous tissue and muscle flaps. [27,28]

IV. CONCLUSIONS
The interconnected porosity encourages bone ingrowth in the material and eventually leads to
good incorporation of the material into host bone. The foam-gel technique is an innovative
method that generates a three-dimensional fully interconnected porous structure in synthetic HA
ceramics. To date, comparable structure has only been achieved by using natural coral. Our
study indicated that IP-CHA, a novel synthetic HA ceramic with an interconnected porous
structure manufactured using this technique, showed a several-fold increase in initial compressive
strength compared with coralline-based materials. Moreover, IP-CHA exhibited excellent bone
ingrowth in an animal model and favorable performance in clinical use, although the latter was
evaluated only radiographically and with a short-term follow-up. We believe that IP-CHA is an
excellent bone substitute for filling bone defects and should be considered as an alternative to
autogenous bone. In addition, IP-CHA seems likely to serve as a good scaffold for cell-based
or cytokine-based tissue-engineered bone.

Figure 8 Prefabrication of IP-CHA with vascular network. (A) Rat superficial inferior epigastric vessels
(arrow) were exposed, ligated, cut, and inserted into IP-CHA cylindrical block (arrowhead) and then
examined 6 weeks later. Compared with (B) the control, (C) vascular invasion (open arrowhead) in the
pores of IP-CHA with vascular bundle was greater both in number and size of vessels, with more abundant
fibrous connective tissue formation.
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I. INTRODUCTION
The worldwide prestige enjoyed by cemented total joint replacements is well deserved. To our
professional predecessors recalling the pitiful fate of chair-ridden patients with end stage joint
disease in the 1950s, the phenomenal results attained by replacement of a destroyed articulation
by an artificial joint manufactured of alloplastic components spells a success story. Interpositional
arthroplasty, placing one substance or another between resected joint surfaces, goes back a long
time, but it was not until Smith-Petersen promoted the cast cobalt–chrome–molybdenum alloy
to serve as artificial joint’s constituents that a breakthrough was first recorded in the late 1940s
[1]. All in all, the clinical outcome was however still poor. In an attempt at achieving durable
pain-free joint motion, Moore and MacIntosh innovated the hemiarthroplasties [2,3]. Notwithstanding striking functional improvements in patients’ subjective and objective status, a metallic
endoprosthesis replacing a femoral head or a tibial plateau did not bring about the anticipated
long-term relief because the diseased acetabulum or femoral condyles were left in situ, thus
continuing to be a source of pain and impaired performance. Sir John Charnley ushered in a
genuine headway with his innovation of an artificial hip joint incorporating a stemmed, stainless steel femoral head articulating with a polymeric acetabular socket, polymethylmethacrylate
fixating the components to the bone [4]. The kindred total knee arthroplasty, designed by Gunston, comprised a cemented metallic femoral component and a cemented polymeric tibial insert
[5].
Since Charnley’s groundbreaking scientific enterprise and application of his perceptions
in the practice of joint replacements, novel designs of the components, fixation techniques
(cemented or otherwise), and materials were introduced. But for a small number of metalon-metal or ceramic-on-ceramic artificial joints, modern arthroplasties customarily utilize an
ultrahigh molecular weight polyethylene component for one of the articulating surfaces. For
reasons beyond the scope of this chapter, stainless steel–based weight-bearing surfaces are no
301
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longer in vogue, and cobalt-, titanium-, or ceramics-based parts are generally orthopedic surgeons’ first choice. Cobalt–chromium–molybdenum alloy has superb wear resistance. Titanium–aluminum–vanadium alloy has a close-to-bone modulus of elasticity, excellent biocompatibility and osseointegrative properties. For hip replacements, femoral heads manufactured of
aluminum- or zirconium-oxide ceramics have optimal frictional and wear characteristics when
articulating with polyethylene [6].
A. Survival Rate and Advantages of Cementation Systems
Albeit pain relief, motion stabilization, and correction of the joint deformity attained in a majority
of arthritic patients by the replacement of a destroyed joint by an artificial one, a host of quandaries faces surgeons, bioengineers, and materials scientists in their pursuit of an optimal operative
procedure, implant design, fixation technique, instrumentation, alloplastic parts’ wear resistance,
and compatibility with the osseous environment [7]. The mechanical anchorage of alloplastic
components is realized by cement–bone interdigitation. Unfortunately, it is often lost in the
wake of formation of an ever-expanding soft tissular interfacial membrane in between the acrylic
polymethylmethacrylate (PMMA) cement mantle and the bone. In view of the inherently inevitable quota of prosthetic failures, first and foremost due the aseptic loosening of one component
or another, cementless arthroplasties have been anticipated to remedy many ills of cemented
joint replacements. No matter how strong initially, any material without a capacity for self repair
will ultimately fail given sufficient repetitive loading. Hence, breakdown products, be they
polymeric, metallic, or ceramic in nature, accumulate within the joint cavity, pseudocapsule,
and at the implant–bone interface of the artificial joints [8]. Having reviewed the scientific basis
of component fixation, Freeman and Tennant contend that in view of equivalence of the clinical
results, an advantage for cemented versus cementless fixation of total hip arthroplasties cannot
be premised [9].
At the hands of skilled orthopedic surgeons using up-to-date artificial joints, the prosthetic
failure rates are low, whether the components are cemented or otherwise. Seventy-five percent
of cemented femoral stems have been found to be well fixated at the 22-year follow-up of
patients younger than 40 years at the time of their operation, a laudable result when this young
population’s active lifestyle is taken into account [10]. Based on revision rates of aseptic loosening of cemented femoral stems as the endpoint, the survival of hip arthroplasties in one published
series of cases was 100, 99, and 98% at the 5-, 10-, and 15-year postoperative intervals, respectively; the survival of the cemented acetabular cups in this series was 99, 98, and 84% at the
10-, 12-, and 15-year postoperative examinations, respectively. In addition to host- and surgeonrelated factors, the design of the components also plays a decisive role in the success or failure
of total joint replacements. Ten to 15 years after its implantation, femoral osteolysis was detected
in 8% of patients with a Charnley low-friction arthroplasty, the acetabular socket and femoral
stem of which had to be revised in 8 and 5% of the cases, respectively. In comparison, femoral
osteolysis was discovered in just 2% of patients with a Wrightington Frusto-Conical artificial
hip joint, and just 3 and 4% of the femoral stems and acetabular cups had to be revised, respectively. The results affirm an edge of the Wrightington over the Charnley system [11]. An impressive long-term outcome of cemented total knee arthroplasties has also been reported. In a recently
published series of patients with posterior cruciate ligament-retaining knee arthroplasties, the
survivorship was 96 and 82% at the 15- and 23-year postoperative intervals, respectively [12].
Ten to 15 years after implantation, no case of aseptic loosening of cemented Kinematic artificial
knee joint has been recorded in 102 patients who were operated on for osteoarthritis, rheumatoid
arthritis, osteonecrosis, or hemophilic arthropathy [13]. Usually, cemented knee arthroplasties
with relatively conforming articular surfaces manifest excellent long-term survival. In the experi-
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ence of the Mayo Clinic’s orthopedists, the condylar knee prostheses have a 21-year success
rate of 91%, the posterior stabilized prostheses a 16-year success rate of 94%, and the constrained
condylar knee prostheses a 7-year success rate of 98% [14]. In one convincing comparative
study of patients with total knee arthroplasties examined at the sixth postoperative year, the
incidence of aseptic loosening of the cemented femoral stems has been as low as 0.6%, while
aseptic loosening of press-fit, noncemented femoral stems has been met with in as many as
9.8% of the patients [15]. It should be kept in mind that arthroplasties fail by mechanisms other
than wear debris–induced aseptic loosening, e.g., an altered stress-strain fields-initiated bone
remodeling, interfacial motion, improper orientation of components, or inadequate cementation
techniques [16–19]. Their histopathological aspects are not dealt with herein.
B. Impact of Wear Debris on Survival of Cemented Arthroplasties
Having surveyed a token part of the myriad publications embodying experts’ perceptions, the
cemented total arthroplasties attest to an outstanding achievement as far as an individual patient’s
fate is concerned. Yet, in view of the over one million arthroplasties performed globally every
year, it is not surprising that the number of revisions of failed prostheses is legion. Initially, the
PMMA was blamed for most ills of artificial joints fixated to bone with the acrylic cement, so
much so that the epithet ‘‘cement disease’’ was pinned to components’ aseptic loosening [19].
This ideation was soon realized to be false. Unjustifiably, so-called polyethylene disease was
then equated with aseptic loosening, again condemning one material for the fiasco of an entire
prosthesis [20]. Surgeons’ frustration with the need to revise their patients’ cemented artificial
joints rationalized the quest for cementless fixation techniques. These, however, have not alleviated the loosening predicament: noncemented prosthetic parts fail like their cemented counterparts. The loosening is most often due to an increased resorption of the bone supporting the
alloplastic components. The augmented osteolysis is secondary to an exaggerated osteoclastic
activity that is stimulated by intermediates secreted by the constituent cells of a granulomatous
membrane arising at the bone–implant interface. Macrophages are stimulated by ingested submicron- to micron-sized wear particles, deposited at the bone–implant interface, to synthesize and
secrete the mediatory substances. Given that formation of interfacial membranes is independent
of the fixation methods, at least to a certain degree, reflecting in fact the inflammatory granulomatous response to breakdown products, be they polymeric, metallic, or otherwise, prosthetic failure
may be viewed as a ‘‘small particles disease.’’ with proper design and surface topography of
the implant and also load patterns directing the genre of cellular activities, osteogenesis prevails
under favourable settings; while osteolysis, fibroblastic proliferation, inflammation, and granulomatous responses monopolize the scene under adverse conditions [6].
C. Response to Wear Particles and Formation of the Interfacial
Membrane
Acrylic cement is not a glue. It does not bond an implant to the bone. Rather, PMMA is an
adhesive, anchoring an alloplastic material to the underlying bone via mechanical interlocking
without chemically binding the one to the other. The PMMA has an entirely mechanical function,
which is contingent on the formation of bone–cement interdigitations. The fixation strength
depends on the depth of the cement projections penetrating into the bone. Interdigitation with
bony interstices increases with increasing pressure applied to the curing methylmethacrylate and
the size of the intertrabecular spaces of the bone. Improved PMMA quality, distal plugging of
the bone cavity, pressurized insertion of the cement, and pressure lavage, among others, increase
the bone–cement interfacial shear strength [21–23]. Alongside well-fixated components, the
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intraoperatively achieved interlock of the bony trabeculae and cement persists, but it is lost
when loosening ensues. Stable cemented bio-materials are accepted by their bony environs
without an undue inflammatory reaction, and their surface is, at least partially, osseointegrated.
A thin, fibrous interfacial membrane—a millimeter or so in width—may be present at the
interface of stable components without impeding their function. This contrasts with the situation
aside an unstable, loose cemented component which is separated from its bony bed by a thick
interfacial membrane. In addition to the width of this soft tissular layer, the extent and intensity
of inflammatory granulomatous responses at the implant–bone interface determine the biomechanical and biochemical (i.e., mediators’ secretion) consequences of the interfacial membrane
[24–26].
The late failure of the cemented acetabular sockets of total hip arthroplasties is representative of the chain of events leading from a stable to an unstable setting: loosening begins circumferentially at the socket’s intra-articular margins, and the small particles-driven granulomatous
membrane interposes itself between the bone and the cement, advancing with time toward the
implant’s dome [27,28].
D. Osseointegration Versus Formation of Interfacial Membrane
Osseointegration specifies lack of a soft tissular membrane nearby a foreign material within the
osseous environs. It is operationally defined, at the light microscopical level, by the proximate
contact of the bony tissues with the surface of the implant (Figs 1 and 2). This definition holds
true even though, at the ultrastructural level, optimally biocompatible and properly integrated
implants, e.g., titanium alloy–based screws, do not directly abut on the bone but are separated
from it by a 100- to 200-nm-wide amorphous proteoglycan film and by an about 100-nm-wide
lamina limitans–like layer [28–30]. In this respect, bioactive ceramics are unique in so far as
their hydroxyapatite-like phase of nanocrystals grows in the direction of the crystals of the
implant across the interface, whereby a genuine chemical bond between the biomaterial and the
bone is created [31].
Leukocytes, in general, and monokaryonic and polykaryonic macrophages in particular, are
short-lived cells. Their persistence at interfaces many years postoperatively, therefore, indicates
ongoing control of the local scene by chemical and physical properties of the implants or their
breakdown products. A filmy interfacial membrane, typical of a well-functioning implant, is a
compelling criterion of the bio-material1s biocompatibility when associated with a weak foreign
body response. As a rule, the thickness of an inflamed interfacial membrane increases with the
in vitro measured cytotoxicity of the biomaterial. Deductively, the absence of an interfacial
membrane implies a pre-eminent harmonious coexistence of the biomaterial and the bone. Thus,
osseointegration specifies optimal biological (that is, biocompatible material) and biomechanical
(that is, motionless interface) settings [32–34].
E. Impact of Surface Topography on Fixation Strength
The surface affects functions through the variations in the cement adhesion and abrasion properties. The smoother the surface, the lower is the fixation strength of the cement–metal interface.
Conversely, rough surfaces encourage high fixation strengths. On the other hand, smooth surfaces
are less abrasive in the face of interfacial motion. Vice versa, rough surfaces are more abrasive.
To recount surgeons’ dilemma, rough-surfaced implants benefit from the enhanced cement attachment such that the probability of interfacial motion is low, but concurrently higher rates of
debris generation ensue once motion does occur. While a smooth implant surface is conducive
to interfacial motion, the rates of debris generation are low incidental to motion [35]. Moreover,
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Figure 1 Appropriately osseointegrated acrylic mantle of cemented femoral stem of a total hip arthroplasty
revised for aseptic loosening of the acetabular socket 10 years after implantation. In addition, there is
excellent interlock of the bony projections (arrows heads) with the bulk of polymethylmethacrylate (asterisk). Section of an undecalcified specimen stained by von Kossa method, 25⳯.

interfacial motion interferes with osseointegration. Twenty diurnal cycles of interfacial movements of a 0.5-mm amplitude suffice to bolster up fibrous tissue proliferation rather than bony
ongrowth onto titanium implants in rabbit tibiae [36].
F. Common Causes of Failure of Prosthetic Joints
Dicta professing to foretell that all prostheses are condemned to eventually fail if the patient
lives long enough or that the ‘‘degenerative changes of the bone–cement interface’’ are inevitable
[37,38] are overly pessimistic and therapeutically nihilistic. Charnley has disputed the widely
held belief that bone and PMMA cannot peacefully coexist side by side [4]. In support of his
deductions, PMMA particles do not impair healing of rat tibial cortical defects. In contrast,
materials such as polyethylene and resorbable calcium phosphate incite an inflammatory response and inhibit bony repair [39].
Proficient cementation offers implants better stability than an optimal press-fit technique
[40]. In as much as loss of the bone–implant interlock is a leading cause of failure of cemented
arthroplasties [9], understanding the nature of the interfacial processes is pivotal for researchers
probing the perplexities of effective versus mal-functioning artificial joints. Awareness of the
role of biological events in prosthetic failure does not deflect researchers from assessing the
participation of mechanical issues in the loosening process, say, alignment, cortical reinforcement, canal/fill ratio, stress-shielding, strain patterns, cement fracture, fatigue cracks in the
cement, fatigue of the cement–bone unit, cement creep, cement–metal interface debonding,
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Figure 2 A bony beam within the polymethylmethacrylate bulk (asterisks). The surface of this PMMA
projection is segmentally osseointegrated (short arrows) and segmentally separated from the PMMA by a
thin layer of hypocellular fibrous tissue (long arrows). Section of an undecalcified specimen stained by
von Kossa method, 100⳯.

gross polyethylene upsets, and microfracture of the osseous trabeculae buttressing the construct.
Cracks in the acrylic mantle, primarily initiated at voids, act as stress raisers, resulting in fatigue
failure of the cement, an important albeit infrequent mode of loosening of the stem of total hip
arthroplasties. Both a thin (less than 2 to 3 mm wide) acrylic coat and a low canal/fill ratio raise
the stress within the cement, thus increasing its fracture proneness. Thin PMMA mantles being
discontinuous as a rule, the ensuing bone–metal contact points weaken the cement coat [41–45].
To explain complex immunopathological processes involved in responses to wear debris,
the periprosthetic tissues have been the focus of extensive analyses by different approaches,
including evaluation of retrieved interfacial membranes, in vitro interactions of cells cultured
with biomaterials, and functional and histological assessment of artificial joints implanted in
experimental animals. In this context, this chapter reviews some advances in the research of
diverse aspects of the so-called wear debris disease.
1. Cellular and molecular mechanisms of bone resorption mediated by macrophages and
their fused variants, i.e., the multinucleated giant cells.
2. The expression and the specific role of proinflammatory cytokines, growth factors,
and transcription factors in the local inflammatory granulomatous reactions.
3. The response of the osseous microvasculature to the presence of an implant and the
activation of endothelial cells by biomaterials.
4. The role of mast cells–derived cytokines and mediators in bone resorption.
Lessons learned from the experimentation promise to aid our understanding of the effectiveness
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of orthopedic implants in long-term use in patients with view to developing a new generations
of biomaterials. Cemented or cementless techniques are used to replace diverse joints. This
chapter spotlights cemented total hip and knee arthroplasties, not just because they make up a
majority of total joint replacements, but with the hope that the knowledge acquired by exploring
quandaries raised by these time-honored procedures may serve as the ‘‘gold standard’’ against
which what happens at the interface of innovative artificial joints could be measured.

II. CYTOLOGICAL AND HISTOLOGICAL ASPECTS OF THE
IMPLANT–BONE INTERFACE
A. Characteristic Features of Implant’s Particulate Wear Debris in the
Periprosthetic Tissues
Willert and associates published a series of pioneering research articles; the first, brought out
in 1974, was dedicated to a ‘‘reaction of bone to methacrylate’’ [46]. The authors discussed in
more general terms the ‘‘material breakdown and tissue reaction in clinical joints’’ after they
realized that both polymeric (cement and polyethylene) and metallic wear particles amassing
in the pseudocapsule and interface of artificial joints provoked formation of a foreign body
granulation tissue. Ongoing growth of the granulomatous interfacial membrane was purportedly
responsible for the loosening of the prosthetic parts [47]. Macroscopically, the bone-facing
cement displayed a highly wrinkled and papillary relief. Microscopically, flattened beads at the
cement’s front were assembled into an irregular, rough, and open, porous-type exterior. The
acrylic surface conformed with the contour of the adjacent bony tissue. External mechanical
influences, volumetric changes of the cement, and the effect of the abutting bone seemed to
lead to this reciprocal adaptation, resulting in a ‘‘bone–cement composite.’’ Under high loads,
particles broke off where beads were either isolated or incompletely attached to the surface of
the PMMA [48].
The amounts of polyethylene debris polluting the periprosthetic tissues vary from one
artificial hip joint design to another. With metal ball and polyethylene cup combinations, the
annual linear polymeric wear ranges from 100 to 300 m. Cups paired with ceramic balls
generate less debris, the linear wear varying from 50 to 150 m per year. Metal-on-metal and
ceramic-on-ceramic pairings generate small amounts of particles, the linear wear rate ranging
from 2 to 20 m per year [49]. In fact, scanning electron microscopical appraisal of ceramic
femoral heads retrieved after over 10 years of service discloses adequate surface roughness and
sphericity, and ceramic particles have not been located in at least some of the sampled periprosthetic tissues [50]. Articulating metallic surfaces, even though disclosing myriad delicate
scratches, yield an annual wear volume of about 5 m3, a low value when compared to the
quantities of polymeric debris accumulating each year. The macrophagic reaction to metallic
particles is said to be mild; at any rate it is less violent than that to cement particles tallied in
histological sections of specimens retrieved from the same patients. Compared to generation of
particles from cobalt–chrome alloy–based femoral components, titanium alloy–based parts release a great deal more debris [51]. Titanium alloy is especially prone to abrasion by acrylic
third body wear [52]. It is doubtful that a less vigorous inflammatory response to the titanium
than to the other kinds of detritus affects a compensatory influence, wear debris of titanium
alloy–based femoral heads being infamous for initiating prosthetic failure [53,54]. Titanium and
its alloys do not behave as harmlessly toward their osseous environment as hitherto envisioned
[6,55]. In vitro phagocytosed, submicron-sized titanium particles exert adverse effects on the
cytoskeletal actin arrangement of the osteoblasts. In consequence of the ensuing decreased
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cellular activities, the cells’ spreading and adhesion force are reduced, as is the gene expression
for collagen type I and fibronectin [56].
At the macroscopical examination of freshly retrieved specimens, differences are discernible between different patients’ interfacial membranes and between different segments of the
same patient’s specimen. The color of the membranes varies from yellow to red to gray to
‘‘dirty’’ black. Some membranes are firm, elastic or rubbery, while others are pulpy, soft to
gelatinous; sometimes they are friable and granular to the touch. Bits of acrylic cement remain
embedded in the membranes after their peeling off from their surroundings [20].
Goldring and his coworkers introduced the epithet of ‘‘synovial-like membrane’’ to the
soft tissular layer separating the bone and cement from one another [57,58]. This term is a
misnomer. Interfacial membranes do not resemble a synovial capsule. If anything, they histopathologically recall the features of chronic synovitis. Santavirta et al. have highlighted the ‘‘aggressive’’ nature of the interfacial membranes in view of their central role in periprosthetic osteolysis
and prosthetic failure [59]. The interfacial membranes evince a more-or-less three-tiered construct: an inner synovial-like, a middle inflammatory granulomatous, and an outer mainly fibrotically sclerosed coat [60]. The interfacial membrane dimensions and intensity of their inflammatory granulomatous–cicatrizing changes account for the biomechanical and biochemical
consequences. Theoretically, bland fibrous films, less than a couple of millimetres across, may
protect the bone–implant unit by smoothing and evenly distributing the stresses. On the other
end of the spectrum are those membranes which range from a few millimetres to two centimetres
or more in width and teem with macrophages and lymphocytes. They not only facilitate interfacial
macro-motion and interfere with optimal stress transfer, but perhaps more importantly they are
the site of production of proinflammatory cytokines, bone-resorbing factors, and growth factors.
Repetitive biopsies have established that the first signs of an interfacial membrane are evident
10 weeks postoperatively. For the interpretation of the periprosthetic events it is consequential
to realize that the characteristics of membranes nearby a nonloosened and a loose component
may be morphologically indistinguishable from each other even though quantitative differences
between them are overt [61]. Aside from the metallic, polymeric, and/or ceramic foreign
body–induced granulomas usually encountered in most regions of the sampled operation specimens, the interfacial membranes may elsewhere exhibit histological aspects of a nonspecific,
well-vascularized granulation tissue (Fig. 3).
B. Cellular Invasion and Activation at the Bone–Implant Interface
The macrophages infiltrating the interfacial membranes of cemented artificial joints exhibit
various morphological features. Directly facing the acrylic mantle, they are often palisading,
unistratified or pseudostratified, closely to spaciously spaced, and range from elongated to polyhedral to cuboidal. They are intermixed with some lymphocytes and a few polykaryonic macrophages (‘‘giant cells’’). Segmentally, this cellular barrier is necrotic, replaced by a hyalinized
fibrous tissue, has undergone fibrinoid change, or is covered by fibrinous precipitates (Fig. 4).
This synovial-like film rests on a fibrous tissue, which varies in width from one case to another
and is infiltrated by lymphocytes, macrophages, and plasma cells (but unless bacterial or fungal
infections have occurred, there are no neutrophils). This upper layer blends with the underlying,
prosthetic debris–driven granulation tissue of the middle layer.
As a rule, large collections of closely packed, roundish to polyhedral, foamy to finely
granular, mono-, bi- and polykaryonic macrophages dominate the scene in the middle layer.
Ultrastructural observations evince that the foamy or granular look of these cells (Fig. 5) is
bestowed on them by the myriad ingested, submicron- to micron-sized polyethylene particles.
The particulate polymer in the macrophage’s phagocytic vacuoles takes up oil red O and, under
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Figure 3 Segment of an interfacial membrane disclosing the histological features of a nonspecific, wellvascularized granulation tissue. Note the many crisscrossing blood vessels (arrows). Immunostaining with
the lectin Ulex Europaeus agglutinin 1, 200⳯.

Figure 4 The ‘‘synovial-like’’ features of the cement-facing aspect of an interfacial membrane disclosing
elongated, polyhedral or cuboidal, spaciously spaced, plump macrophages (large arrows) which are intermixed with sparse lymphocytes (small arrows). A fibrinous precipitate segmentally covers the surface
(arrow heads). Hematoxylin and eosin, 400⳯.
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Figure 5 Large sheet of foamy to finely granular, mostly mononuclear, polyhedral cells in the midzone
of the interfacial membrane of a failed artificial hip joint. There are some binucleated cells as well as
polykaryonic macrophages, so-called giant cells (arrows). The insert exemplifies, at higher magnification,
the finely granular quality of these submicron- to micron-sized polyethylene particle–laden cells. Masson
trichrome stain, 100x and (insert) 630⳯.

polarized light, yields punctate and variously sized fibrous birefringence [62]. (Fibers are defined
as threadlike structures which are at least three times as long as they are broad.) Distinctive
tribological conditions at one site or another are responsible for different modes of wear debris
generation. Splintering and delamination of material from tibial inserts are overwhelming when
contrasted to those occurring at acetabular cups. Unless a catastrophic event complicates the
postoperative course, say, intra-articular interposition of an acrylic fragment or impingement,
polyethylene splinter–provoked giant cell granulomas are less common in the interfacial membranes of hip arthroplasties than in those of knee joint replacements [63–65]. Bizarrely shaped
globular or oblong polyethylene fragments, ranging from tens to thousands of microns in length,
are incorporated in the interfacial membranes and pseudocapsules of many artificial joints. Such
fragments are found within then phagocytic vacuoles of the giant cells or are encircled by a
multitude of mono- and polykaryonic macrophages (Fig. 6). The rate of degradation of the
components of artificial joints is enormous. Thus, 4 ⳯ 107 to 4 ⳯ 1010 particles are cast off
into the joint cavity annually. There is consensus that the billions of 100- to 500-nm-sized
polymeric particles retained per gram of periprosthetic tissue are the most critical species of
prosthetic debris as far as the fate of the arthroplasties is concerned [66]. Occasionally, the
polyethylene debris induces a flourishing interfacial membrane at one site while elsewhere the
cement is directly attached to the bone [67].
The wide distribution in the sizes of particulate polymers in the periprosthetic tissues of
failed prostheses is truly remarkable. Sometimes, massive polyethylene fibers and flakes abound
in the interfacial membranes, especially those of artificial knee joints; they are less frequent in
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Figure 6 Giant celled granulomatous reaction to extra large, oblong, and bizarrely shaped polyethylene
splinters in the interfacial membrane of an artificial knee joint which failed 12 years postoperatively. Other
than the oversized foreign body giant cells (arrows), few mononuclear macrophages, lymphocytes, and
fibrocytes occupy the fibrous background. The insert displays the same area but photographed under
polarized light to demonstrate the birefringence of polyethylene. Note the duplicate of the polyethylene
filament in the microphotographs taken under regular and polarized light (open arrow). Section of an
undecalcified specimen stained by von Kossa method, 100⳯.

the interfacial membrane of hip arthroplasties. Different tribological settings, conformity of
bearing surfaces, configurations of the articulating surfaces, and mechanisms of wear bring about
different modes of load transfer as also stress and strain effects. These dissimilarities are also
reflected in the electron microscopical measurements of the ingested polymeric debris. In the
periprosthetic tissues of hip arthroplasties, 90 and 75% of the intracellular polyethlene particles
are less than 1.0 and 0.5 m in size, respectively. Seventy and 45% of the ingested polyethylene
particles in the periprosthetic tissues of artificial knee joints are less than 1.0 and 0.5 m in
size, respectively. Joint tribology- and geometry-related peculiarities determine the modes of
wear debris generation at various anatomical locales, modifying not only the histological scene
but also the cellular responses and, therefore, the pathways to bone resorption [64,68]. Usually,
widely spread, confluating sheets of large, polyhedral, finely granular, oil red O–positive, birefringent macrophages are the dominating elements in periprosthetic tissues obtained at revision
operations of loose hip arthroplasties. These distinctive macrophages occur in the interfacial
membranes of stable artificial joints as well, albeit in smaller numbers. In addition, there are
numerous granulomatous foci with polykaryonic, at times gigantic multinucleated, macrophages,
particularly in the interfacial membranes of artificial knee joints. Some of these giant cells abut
on huge noningestable slabs, while others partly or totally phagocytose the bizarrely shaped,
rugged polyethylene shards, which may be up to several hundred microns across [69].
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The pathogenic primacy of ‘‘cement disease’’ [16] in the loosening process of artificial
joints having lost its popularity, most authors currently subscribe to the supremacy of the concentration, shape, and size of polyethylene particles deposited at the bone–implant interface in
prosthetic failure [70]. The faults of routine histological assessment of particulates are conceded
because dimensions are underestimated by reason of the evaluation of 4-m-thick sections and,
additionally, structures smaller than 0.5 m2 are below the resolution power of light optical
microscopes. It may, nonetheless, be of interest to briefly refer to statistics with respect to the
intracellular lading of polymeric debris in pseudocapsules of a cementless total hip arthroplasty.
The mean load of the polyethylene particles has been measured to be 13Ⳳ8, 25Ⳳ16, and 49Ⳳ42
m2 in monokaryonic (mean areal size 190Ⳳ65 m2), small polykaryonic (mean areal size
605Ⳳ200 m2), and large polykaryonic macrophages (mean areal size 1420Ⳳ490 m2), respectively. Even though giant cells may ingest particles as large as ⬃250 m2, most particulates
larger than ⬃45 m2 amass in the intercellular space. The mean particle size has been found
to be 2.34Ⳳ3.20, 3.02Ⳳ3.46, and 4.70Ⳳ11.25 m2 in the monokaryonic, small polykaryonic,
and large polykaryonic macrophages, respectively. Finally, the relative loading (percent of cell
body occupied by the foreign bodies) is 6.7Ⳳ3.6, 4.1Ⳳ2.4, and 3.5Ⳳ2.9% in the monokaryonic,
small polykaryonic, and large polykaryonic macrophages, respectively [71].
Cement chunks are sparsely strewn in the majority of interfacial membranes. They abound
in the periprosthetic tissue of patients in whom the acrylic mantle has crumbled for one reason
or another, say, a poor cementation technique or cement fatigue. They manifest as variously
sized, optically empty, polycyclic spaces which usually contain myriad tiny, black, birefringent
barium sulfate or zirconium oxide grains. (The lipid-soluble PMMA in routinely processed
samples is extracted by the solvents used for the preparation of the histological sections; the
BaSO4 or ZrO2 is preserved.) The space–tissue boundaries exhibit collagen fibers or a severalcells-thick covering of mono- and polykaryonic macrophages, which are encircled by the concentrically oriented collagen fibers (Fig. 7). In addition, BaSO4- or ZrO2-laden macrophages invest
the formerly cement chunk–containing spaces. Micron-sized PMMA bead–ingesting macrophages exhibit a bubbly cytoplasm dirtied by the tiny, black BaSO4 or ZrO2 grains (Fig. 8).
The radiopaque additives to the cement most likely share in bringing about aseptic loosening
because their ingestion reinforces phagocyte’s potential to produce bone-resorbing intermediates.
More often than not, and in contrast to past impressions, cement chunk–provoked granulomatous
reactions are minor in comparison to the profuse response induced by both the polyethylene or
metal particulates. Skin patch tests to N,N-dimethylparatoluidine (the accelerator used in bone
cement) are positive in 10% or so of patients with cemented arthroplasties. In these allergic
patients, an immune reaction to the N,N-dimethylparatoluidine may be blamed, at least partly,
for onset of prosthetic failure within 2 years of implantation [6,69,72–74].
Within the periprosthetic tissues, metallic debris appears as black, irregularly shaped;
barely visible to 5-m-sized particles in round to polyhedral; eosinophilic; granular; mono-, bi-,
and (rarely) polykaryonic macrophages (Fig. 9). Metallic debris is detectable by light microscopy
in over 80% of periprosthetic tissues retrieved from patients with failed artificial joints. Viewed
with scanning electron microscopy, these particles vary from round to oval to rectangular, many
having sharp edges and corners. They may be scattered extracellularly between the collagen
fibers. Macrophages concurrently ingesting metallic and polymeric particles exhibit black grains
on a foamy background, unless the cells are overloaded by metallic dust to such a degree that
all cellular details are obscured [51]. As a rule, there are just small amounts of metallic debris
in the interfacial membranes of artificial joints which have served for a short term [75].
Metallosis, i.e., the macroscopically discernible grayish discoloration of periprosthetic tissues
by stored metallic particles, is rare in patients with cemented arthroplasties. It is principally
associated with implants disclosing abraded surfaces. Incidentally, metallosis is most often met
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Figure 7 Cement chunks in the periprosthetic tissue of a patient whose total knee arthroplasty failed
during the 13th postoperative year. They manifest as variously sized, optically empty, polycyclic spaces
(thick arrows) which contain remnants of the clumped, black barium sulfate grains (arrow heads). Note
also the hyalinized make-up of the surrounding fibrous tissue. Subjacent to these cement chunks, an
aggregate of BaSO4-laden macrophages is present (thin arrows), and its cells with their phagocytosed,
finely dispersed BaSO4 grains are illustrated (in the insert) at a higher magnification. Hematoxylin and
eosin, 100x and (insert) 630⳯.

with at revision operations of noncemented total hip arthroplasties, usually those with titaniumor titanium alloy–based parts. The metallic particles originate from the articulating as well as
anchoring surfaces [51,76,77].
Metallic dust–laden macrophages typically accumulate around blood vessels (Fig. 10).
Most particles have areas smaller than 1 m2. Occasionally larger (about 10 to 300 m long),
jagged metallic fragments are randomly dispersed in the fibrous and granulation tissues. Otherwise, they are enclosed in giant cells of discrete granulomas or scattered in the extracellular
space. Much metallic detritus is also present in some sizable foci of coagulation necrosis (Fig.
11). Metallic debris abounds in the periprosthetic tissues of some long-term-serving artificial
joints [51,78]. As sometimes occurs in patients with cemented titanium alloy–based total hip
arthroplasties, particulate metals amassing early in the postoperative period are blamed for
premature prosthetic failure [54]. Extensive but focal necrosis of the fibrous and granulation
tissues accompanies some cases of severe metallosis of the interfacial membranes of short-term
surviving cemented arthroplasties. This type of necrosis has also been described in patients with
worn necks of cemented titanium alloy stems of artificial hip joints failing within less than 10
years of the implantation. Histologically, copiously phagocytosed, nanometer-sized titanium
alloy particles may fully mask the polyethylene debris taken up by the same macrophages [79].
Metallic debris–laden cells mingle with helper and cytotoxic T-lymphocytes, scant plasma
cells, some mast cells, and varying numbers of eosinophils. On the other hand, B-lymphocytes
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Figure 8 Micron-sized PMMA bead–ingesting macrophages exhibiting a bubbly cytoplasmic body (open
arrow), the polymethylmethacrylate having been dissolved during section preparation. Several BaSO4
grain–laden macrophages (small arrows) are present next to the cement bead–ingesting cells. Also present
are a few residual bony shreds (large arrow), which are enclosed by macrophages. Microphotograph taken
from the same specimen as that illustrated in Fig. 6. Section of an undecalcified specimen stained by von
Kossa method, 630⳯.

are rather rare. This infiltrate’s constitution indicts cell-mediated immunity as a key player in
the inflammatory reaction. The expression of E selectin on endothelial cells of blood vessels in
the vicinity of metallic deposits and the occurrence of necrotizing arteritis or epithelioid cell
granulomas in a back-ground of an eosinophil-rich infiltrate imply, but do not affirm, participation of immune processes in the initiation or maintenance of the inflammatory reaction [80–82].
The augmented proliferation of lymphocytes cultured in a cobalt or chromium ion–enriched
media favors the role of hypersensitivity in the loosening process of some patients’ formerly
stable artificial joints. Almost one-third of patients tested 1 year postoperatively manifest skin
hypersensitivity to nickel, cobalt, chromium, or titanium. There is no documentation, however,
to support the every so often heard assertion that eczematous and urticarial dermatoses constitute
an allergic reaction to constituents of patients’ implants. The cutaneous lesions do not rapidly
remit following implant removal. But it must be acknowledged that this does not invalidate the
argument that metal hypersensitivity contributes to periprosthetic inflammation, because the
responsible constituent(s) may be continuously released from metallic residues left behind in
the bone or soft tissues [83–86]. The infiltrate’s composition is nonpartisan, eosinophils, for
instance, making up a substantial portion of the cell population sometimes incited by polyethylene fiber prostheses used for the reconstruction of lost structures [69].
The interfacial membrane’s midzone merges imperceptibly with the outer, densely textured
fibrous layer, in which are strewn rare debris-induced granulomas and chronic inflammatory
infiltrates. Newly formed cartilaginous islands and bony plates within the outer layer are, at
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Figure 9 Metallic wear debris manifests as black, irregularly shaped, and slightly varying in particle
size, which are mostly present in eosinophilic, round to polyhedral, monokaryonic or polykaryonic macrophages. Even though the micron-sized particles predominate, several jagged and up to ⬃300-m-long
metallic fragments (arrows) are usually scattered in the intercellular matrix, as in this interfacial membrane
of a patient whose artificial hip joint was revised 16 years postoperatively. Section of an undecalcified
specimen stained by von Kossa method, 630⳯.

Figure 10 Metallic particle–laden macrophages favoring disposition around the blood vessels (arrows)
of this interfacial membrane. Immunohistochemical stain with CD68, 300⳯.
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Figure 11 Massive coagulation necrosis (asterisks) of the fibrous and granulation tissues (square) of the
interfacial membrane of a patient whose titanium alloy stem of a cemented total hip joint replacement
loosened 9 years postoperatively. Albeit not recognizable at this magnification, the macrophages of the
granulation tissue were overloaded with metallic and polyethylene particles. Masson trichrome stain, 100⳯.

least partially, continuous with the peri-implant osseous shell, which makes up the foundation
of the artificial joint. This shell comprises woven- and lamellar-fibered, sclerotic (compactatype structured) and spongy bone, exhibiting signs of ongoing remodeling, including alkaline
phosphatase-rich osteoblasts along the newly formed bone (Fig. 12). Osteoclasts typically amass
on the cement-facing side of the bone, whereas plentiful osteoblasts accrue on the opposite,
marrow-facing side of the bone. In patients whose interfacial membrane is overloaded with
breakdown products, polyethylene and metallic debris–laden macrophages, and every so often
cement-induced granulomas as well, are strewn within the fibrous and chronically inflamed
intertrabecular spaces of the bony shell. These newly formed, inflamed and foreign body–induced granulomatous fibrous tissues may partially replace the bone such that there are osseous
remnants or just chips in the deeper endosteal portion of the cortex (Fig. 13). Not infrequently,
the remodeled acetabular bone is separated from the cemented socket of an artificial hip joint
by a layer of a newly formed cartilage (Fig. 14). Blackish discoloration of a bony area may be
evident at the inspection of specimens of severe metallosis with inundation of the intertrabecular
fibrous tissue by metallic particle–laden cells. The sporadically found granular hemosiderinladen macrophages suggest residues of past bleedings. Phagocytes with a bluish cytoplasmic
hue in Prussian blue–stained sections possibly contain submicroscopic corrosion detritus emanating from one or another metallic part of the prostheses [87–89].
There are functionally crucial differences in histomorphometrical parameters of the bone
around well-fixated acetabular cups when compared with those of the bone adjacent to the
granulomatous synovial-like membrane of loosened hip prostheses. The static data evidence
increased osteoclastic surface, osteoclast–related eroded surface, osteoid volume, osteoid width,
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Figure 12 Many alkaline phosphatase-positive osteoblasts (arrows) covering the surfaces of the bone
(asterisks) under an interfacial membrane of a cemented tibial component, indicative of vigorous new
bone formation and bone remodeling. Histochemical stain for alkaline phosphatase using naphthol AS-BI
phosphate as a substrate and Fast Red BR salt on a cryostat section of the interfacial membrane, 280⳯.

Figure 13 A mildly inflamed fibrous tissue with polyethylene and metallic debris–laden macrophages
permeates the bone underlying the interfacial membrane of a cobalt–chrome alloy–based femoral stem of
a cemented artificial hip joint which was revised 14 years postoperatively. The intertrabecular spaces of
the bony shell are enlarged due to extensive osteolysis. The endosteal aspect of the cortex comprises jagged
osseous beams (long arrows), representing either broken up trabeculae (which had buttressed the implant)
or tattered osseous residues succeeding severe osteoclastic osteolysis. Note also the osseous gravel (short
arrows) representing leftover bone after advanced bone resorption. Section of an undecalcified specimen
stained by von Kossa method, 100⳯.
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Figure 14 Implant-abutting covering of cartilage (asterisks) nearby the cemented acetabular socket of a
total hip joint replacement. Remodeled bone underlying the cartilage. Note the metalloproteinase-1 within
the chondrocytes (arrows). Immunohistochemical stain with rabbit antibody to collagenase (MMP-1),
340⳯.

and low-mineralized bone matrix in the cases of loosened acetabular sockets. The dynamic data
disclose an enhanced mineral apposition rate, mineralizing surface, and bone formation rate near
loose components. Osteocytic canalicular processes—the intercellular network activated in the
response of the bone to mechanical stress—are abundant in the osteoid and low-mineralized
bone at these sites. Osteoclastic bone resorption, defective bone formation, or both are coupled
with the macrophage-mediated foreign body type granulomas in the synovial-like interfacial
membrane of the loosened artificial hip joints. This high-turnover periprosthetic remodeling
leads to formation of a bone with poor biomechanical properties. Most likely it results from the
effects of foreign body–induced cellular responses combined with inappropriate cyclic mechanical loading, and thus it may contribute to hip prosthesis loosening [90,91].
C. Wear Debris–Induced Osteolysis
Debris-driven osteolysis is the principal cause of failure of cemented artificial joints. The chain
of events leading to component loosening is initiated by dispersal of particles in the ‘‘effective
joint space,’’ that is, the sum total of all the periprosthetic territories accessible to the joint fluid.
Schmalzried et al. have brought up the concept of the effective joint space to emphasize the
potential of the joint fluid and the detritus floating within it to penetrate between the bone and
implant, even though the components are well fixated. Having taken up and been stimulated by
particles, macrophages release proinflammatory mediators, chemoattractants, growth factors and
enzymes: Interleukin-1␣ (IL-1␣), interleukin-1␤ (IL-1␤), interleukin-6 (IL-6), interleukin-8 (IL8), interleukin-10 (IL-10), prostaglandin E2 (PGE2), tumor necrosis factor-␣ (TNF-␣), granulocyte macrophage colony stimulating factor (GM-CSF), monocyte chemoattractant protein-1,
monocyte inflammatory protein-1␣, platelet-derived growth factor A, platelet-derived growth
factor B, stromelysin, collagenase, and gelatinase. Their net effect augments matrical breakdown,
intensifies inflammatory responses, and also recruits and activates ever more fibroblasts, an-
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gioblasts, osteoclasts, and macrophages which erode bone on the one hand and boost the growth
of the interfacial membrane on the other. Quantitative and qualitative interactions of these
mediatory substances determine where and how much bone is lost. Macrophages resorb bone
by so-called surface resorption, in contrast to the osteoclast-mediated lacunar resorption. The
increased osteoclast differentiation of macrophages exposed in vitro to PMMA is associated
with increased lacunar bone resorption. To retrace, the particles-driven vicious circle is kicked off
by activation of the macrophages and succeeded by the incremental production of intermediates,
osteolysis, component loosening, implant instability, micromotion and then macro-motion, generation of ever more wear debris, additional recruitment and stimulation of macrophages, and
proliferation of fibrous tissue. It terminates with enlargement of the interfacial membrane to a
degree incompatible with sufficient function of the prosthesis. The negative osseous balance
cooperates with the positive soft tissular balance to finalize the arthroplastic failure [20,92–113].
In a cemented, tibial hemiarthroplasty model in rabbits, Goodman et al. have demonstrated
that there are greater amounts of N-acetyl-␤-D-glucosaminidase and ␤-glucuronidase in periprosthetic membranes of loose than in those of stable components. The increased content of these
lysosomal enzymes parallels the density of the inflammatory cell population in the interfacial
membranes. For this reason, cellular influx rather than cellular synthesis is probably more decisive to the overall concentration of the enzymes [114].
Understanding of bone resorption has dramatically advanced in the past few years with
definition of the roles of RANKL, RANK, TRANCE, and OPG in regulating osteoclast formation. RANKL, the osteoprotegerin ligand, is essential for osteoclastogenesis. It can substitute for
the osteoblasts, whose activities are physiologically required for the differentiation of osteoclasts.
RANK is osteoprotegerin’s receptor. The osteoclast differentiation factor TRANCE is inhibited
by osteoprotegerin (OPG), which acts by competing for the binding of RANKL to its receptor
on preosteoblasts [115–119]. In addition to the previously assessed promoters of osteoclastogenesis, e.g., the monocyte colony stimulating factor, TNF-␣, IL-1␤, IL-6, and soluble IL-6 receptor,
which are richly produced by cells of the interfacial membranes, the wear debris–laden macrophages apparently also express mRNAs encoding for RANKL, RANK, and OPG. Deserving of
attention in the context of osteolysis are that the macrophages, i.e., precursors of osteoclasts,
abound in the interfacial membranes and evidently express RANK, which is needed for the
maturation of the osteoclasts. Albeit an abundance of bone-resorption stimulating factors, binding
of the RANKL to its receptor is prerequisite for the formation of osteoclasts so as to overcome
the inhibitory effects of the OPG in the periprosthetic tissues [120].
A critical analysis of the microscopical features of the periprosthetic tissues readily validates the deduction of Shoji et al. that there is nothing distinctive to the interfacial membrane
which portrays the morphological expression of the body’s defence mechanism against living
or inanimate ‘‘invaders’’ [121]. The noncemented components of loosened artificial joints are
surrounded by comparable layer of soft tissue, denying the cement any esoterically exclusive
capacity in the formation of a synovial-like interfacial membrane. In vitro, osteoblasts attach to
acrylic cement and synthesize proteins. As demonstrated in an experimental loosening model,
implant instability rather than its fixation mode, cemented versus noncemented, correlates with
the intensity of the inflammatory response and amounts of released mediators. Bone directly
abuts on PMMA implants which are not subject to a loading force. Autoptically, osseointegration
of the acrylic mantle may be observed in individuals whose artificial hip joints functioned well
prior to their demise and revealed extensive radiolucency. These radiolucent lines represent
regions of osteoporosis, cortical cancellization, cortical thinning, or bony minitrabeculae, the
cement mantle itself being apposed by a shell of newly formed bone (the so-called neocortex),
which is supported by a network of osseous trabeculae arising from the endosteal aspect of the
cortex. Orthopedists are prevented from seeing the neocortex on x-rays because the densities
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of the barium sulfate–impregnated cement and newly formed bone are similar. What is clinically
considered to express ‘‘prosthetic stability’’ is histologically represented by a spectrum of tissular
reactions ranging from direct bone–cement contact to an interfacial membrane that is up to 1.5
mm in thickness. This spectrum may reflect varying degrees of microinstability. Polymeric and
metallic detritus is often present in small, biologically negligible amounts in the interfacial
membranes of stable arthroplasties [20,56,122–126].
There is no biological necessity for every implant to be sequestered from its tissular bed
by foreign body granulation tissue. With attainment of a balanced host–implant relationship,
biocompatible materials in bulk formed under perfect circumstances are not walled off by granulation tissue but rather are enveloped by a thin layer of bland fibrous tissue (Fig. 2) or appose
their viable surroundings directly, without intermediary of any kind of tissue. Perceptions of
the synovial-like interfacial membrane are based on microscopical evaluations of samples retrieved at revision operations of loose arthroplasties. Inferences ought to be construed with
caution when what failed and not what succeeded is the ultimate object accessible for our
studies. For example, PMMA in bulk form does not harm its environs. Osteoblasts adhere to
and proliferate on its exterior and amply synthesize collagen. However, diverse cells, including
macrophages, exposed in vitro to pulverized acrylic cement are lethally damaged [6].
D. Periprosthetic Bone Necrosis
Bony trabeculae of the implant bed and cement bulges amply interlock with each other during
the immediate postoperative period. Investigators have from time to time drawn attention to a
layer of necrotic osseous and soft tissues alongside the cement. This tissular death is claimed
to result from the reaming, heat produced in the course of the exothermic polymerization of the
methylmethacrylate, and effects of the toxic (monomeric) methylmethacrylate or N,N-dimethylparatoluidine oozing from the curing cement. In the wake of resorption of the necrotic bone
and its substitution by a soft tissue, the bone–cement interlock and, hence, component stability
are lost [127–130]. Allegedly, bone rapidly undergoes necrosis after cementation. It is highly
questionable whether heat-induced bone necrosis occurs under ordinary circumstances, because
protein-denaturating temperatures are obtained only with excess cement. Based on theoretical
and experimental data, temperatures of about 58⬚C are expected at the cement–bone interface.
Coagulative necrosis of the bone occurs at 72⬚C, which is not reached at the surface of curing
methylmethacrylate spread in a less than 10-mm-thick film. Finite element numerical analysis
predicts that permanent thermal necrosis of bone is not likely to take place with cement collars
of a centimetre or less [6,131]. Methylmethacrylate1s LD50 to human cells is 700 ppm. The
highest measured levels in the periprosthetic tissues of hip arthroplasties are less than 260
ppm. However, it has not been excluded that condensed monomer may focally achieve toxic
concentrations [132].
Samples obtained autoptically during the second postoperative week exhibit ample interlock of the bony trabeculae and cement, fingerlike acrylic projections penetrating into the fattyhematopoietic marrow, and cement directly abutting upon the viable osseous and soft tissues
in the absence of a substantial inflammatory infiltrate [128]. These observations confirm Radin
et al.’s earlier findings in ewes with artificial hip joints: the authors saw no signs of thermal
injury in the immediate postoperative period, the cortical and trabecular bone and also the
hematopoietic marrow alongside the cement appeared histologically to be healthy. In fact, it
takes some time prior to sprouting of fibrous tissue at the interface, focal and mild inflammatory
infiltration, cortical necrosis, and bone remodeling [38].
Biopsies from the boundary regions of stable components reveal a spectrum of tissular
reactions, ranging from direct bone–cement contact to an up to 1.5-mm-thick fibrous layer.
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Necrotic bone, purportedly incurred at the time of cementation, is not seen adjacent to polymethylmethacrylate because—so it is maintained—it has been resorbed and replaced by viable bone.
When the opportunity lends itself to assess specimens of clinically sufficient artificial joints
retrieved postmortem, the acrylic mantle is found to directly contact mineralized bone and osteoid
seams or to be insulated from the bone by a thin layer of bland, fibrous tissue. Osteoid partakes
in the formation of the cement-contacting face of the osseointegrated cement. No osteoblasts
are seen in relation to this osteoid. Having been laid down at earlier times, the osseous matrix
evidently fails to mineralize, persisting as such at stable interfaces for long periods, plausibly
for several years [127,133]. Osteoid abutting on cement is a peculiarity reflecting a variation
of the physiological mineralization process, a consequence of toxic effects of the implant’s
dissolved constituents, an inhibition of calcification by ions leaching from components, a bioincompatibility-dependent osteocyte-mediated process, or a local passive phenomenon [27,134].
In addition to the isolated segments of osteonecrosis adjacent to the cement, myriad,
variously sized and shaped necrotic bony fragments are randomly strewn in the interfacial membranes of long-term-serving total arthroplasties. The presence of osteoclasts, Howship’s lacunae,
newly formed appositional osseous matrix, and osteoblasts alongside these fragments suggests
that the bone of the implant’s bed breaks down continuously, its spicules being incorporated in
the interfacial tissues, where they undergo remodeling. Some cement extensions, osseous trabeculae, or both may be loaded to failure during patient’s activities. Which of the interdigitating
intrusions fails first depends on the mass of the cement on the one hand and density of the bone
on the other. Exceeding the strength of the buttressing intrusions, interfacial motions fracture
the cement, bone, or both. Loss of function of the artificial joints under these circumstances is
attributable to mechanical failure rather than to the more common prosthetic debris–driven
biological failure [20].
E. Cement–Bone Integration
The cement mantles of well-fixated tibial inserts of many patients’ total knee arthroplasties rest
on shelves of newly formed fibrocartilage. Here as well as along-side surfaces with cement–bone
interlock persisting for the duration of the implants’ service, the PMMA is accepted by the
cartilaginous and osseous environs without development of a functionally unruly inflammatory
granulomatous reaction. That fibrous or fibrocartilaginous tissue is present at the interface of
the tibial component is compatible with secure fixation, even if a radiolucent line is röentgenologically evident. The radiolucent line corresponds histologically to fibrocartilaginous tissue, which
is supported by a relatively massive bony construct, the trabeculae of which are thicker and not
as regular as those of the normal spongiotic bone. Bony bulges protrude to various depths into
the cartilage. The bony construct is akin to a new subchondral osseous plate. It possibly arose
in the wake of joining together of the cut trabeculae at the plane of bone section. Formation of
fibrocartilage is related to the bone’s requirement for a relatively compliant cushion to accommodate the load-bearing stress and is not connected to a purported untoward effect of the cement
[135–137]. The inoffensive circumstances are also reflected by the normal fatty-hematopoietic
cells occupying the adjacent intertrabecular spaces [133].
Thin, bland interfacial membranes consist of a densely textured collagenous tissue, the
fibers of which are oriented parallel to the surface of the cement. Closely arrayed Sharpey-like
fibers emanate from the bone and connect with collagenous fibers of the interfacial membrane.
Projections of the acrylic mantle bulge into the interfacial membrane. Being contiguous with
adjacent cement, they differ from the small, roundish, polycyclic cement chunks scattered in
the interfacial membrane. Both the cement projections and chunks are bounded by macrophages,
intermixed with lymphocytes, and concentrically encircled by fibrous tissue which merges with
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that of the interfacial membrane. The macrophages contain tiny acrylic beads and finely dispersed
barium sulfate granules, implying ongoing breakdown of the PMMA, albeit a tardy one [138].
In the patient with a stable acetabular socket but a disintegrated femoral cement mantle, localized
cortical osteolysis may be provoked almost exclusively by a granulomatous reaction to acrylic
particles. Metallic debris appears to play a causative role in other patient’s femoral osteolysis.
The levels of metals in osteolytic cavities are considerably higher than their levels in either the
interfacial membrane or joint pseudocapsule [139]. The prosthetic debris-burdened granulation
tissue, occupying localized osteolytic cavities, not infrequently extends into the intertrabecular
spaces of the adjacent bone, sometimes it perforates the cortex, and rarely spreads into the
muscles [74,124,140].
In the course of the learning process, as much if not more is mastered by trial and success
rather than by trial and error [141]. Correlations of biomechanical and clinical data with morphological observations indicate that cement osseointegration is achievable, provided that interfacial
motions are at a minimum, secure fixation of the components persists, and a stable situation
prevails. The remodeled trabecular bone intimately interdigitating with the cement shapes up a
neocortex, which lasts for over 15 years after the implantation of artificial hip joints. The axial
micromotion at the interface of these well-fixated components is 40 m or less [142]. The
cement is thrown into papillary undulations where it is in contact with the cancellous bone.
Subsequent to the loosening process, the smooth cement exterior reflects motion-induced surface
polishing. Acrylic and osseous morsels dirtying the surface attest to past fracture of the cement
and bone [20].
The presence of lamellar-fibered bone near osseointegrated cement confirms environmental ‘‘quietness’’; woven-fibered bone would be expected were ossification overly speedy. In
biopsies taken at revision operations for femoral stem loosening, interfacial territories close to
stable acetabular cups manifest ample cement–bone interlock: direct contact of the cement with
the underlying bone and tracts of bland fibrous tissue succeed each other. In addition, lengthy
segments of calcified bone and short sections of nonmineralized osseous matrix (osteoid) alternate with each other aside the osseointegrated cement [127,135,143]. There is direct cementto-bone contact along the femoral component of cemented artificial hip joints in cases revised
for acetabular loosening. In histological sections of undecalcified samples of patients preoperatively given tetracycline, the segmentally atypical fluorescence patterns of the bone in direct
contact with or close to the cement mantle imply that the osseous matrix has not been fully
mineralized [144].
Biocompatibility expresses a biomaterial1s ability to perform with appropriate reactions
in applications planned for a particular objective. The appropriateness of the host1s tissular
response determines the biocompatibility of a material [6,145]. The biocompatibility of metals
depends on the electrochemical interactions which they undergo with their environs as well as
the release of ions. The biocompatibility of a metal correlates with its corrosion resistance. As
far as metal in bulk form is concerned, some mono- and polykaryonic macrophages, a few
lymphocytes, some mast cells, and rare neutrophils are scattered along its surface [146]. In
contrast, metallic breakdown products elicit a severe, intractable inflammatory macrophagic
reaction. In the interfacial membranes of loosened cemented arthroplasties, mono- and polykaryonic macrophages packed with submicron- to 3-m-sized, roundish to rod-shaped to jagged
metallic particles abound in the chronically inflamed fibrous tissue. The quantity of particulate
metal is larger in periprosthetic tissues of patients with titanium alloy–based than in those of
patients with either a cobalt–chrome–or stainless steel–based device. The data in the literature
concerning the dimensions of the metallic particles vary to some degree from author to author,
depending on several factors, prime among which is the measurement technique; while the metal
species makes virtually no difference. Salvati et al. have calculated the mean size of isolated
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particles to range from 0.86 to 1.06 m in the short dimension and from 1.57 to 1.79 m in
the long dimension. As measured by computer-assisted image analysis of routinely prepared
sections, the mean size of the particles ranges from 0.34 to 0.40 m and from 1.57 to 1.79 m
in the short and long dimensions, respectively. Large metallic fragments, up to several microns
in length, are scattered in small numbers both intra- and extracellularly and also in granulomas
[76,133,139].
F. T-Lymphocytic and B-Lymphocytic Responses
The recruitment and retention of T-lymphocytes in the periprosthetic tissues concern scientists
and surgeons alike because of the cells’ potential role in hyper-sensitivity reactions to prosthetic
materials, primarily metals, chemicals used in the manufacture of polyethylene, and PMMA
components [72,82,85]. These lymphocytes, which are partly arranged in a perivascular pattern
(Fig. 15), seem to drive antigen-specific immune responses, as evidenced by the presence of
predominating T-cell clones—indicative of the clonal expansion of the T-cells—and a restricted
T-cell receptor expression. As has been alluded to above, some patients’ skin patch test to N,Ndimethylparatoluidine is positive. This has been presumed by some investigators to be incidental
to repetitive loosening events of cemented arthroplasties. Prior exposure to dental or occupational
cement may have a detrimental effect on the survival of cemented prostheses if presensitization
were responsible for an exaggerated cellular reaction at the implant site. Proliferation and transformation of T-lymphocytes at the bone–cement interface and also in the peripheral blood have
been reported. The authors point out that there is no corresponding B-lymphocytic response
[59,72,147–150].
The occurrence of B-lymphocytes in the inflammatory infiltrates at the cement–bone
interface has been rarely perceived. Local follicular proliferations of B-cells in the interfacial
membranes (Fig. 16) are associated with bone resorption in patients with early clinical failure

Figure 15 Perivascular infiltrates of the T-lymphocytes (arrow) are often present in the interfacial membranes of loosened, cemented components. Immunohistochemical stain with monoclonal antibody CD3
(Dako), 300⳯.
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of cemented metal-on-metal total hip arthroplasties [151]. In the few cases thus far analyzed,
the lymphocytic follicles have been established to be made up of both kappa and lambda light
chain–immunoreactive lymphocytes, indicating a polyclonal proliferation of the constituent
cells. A selective recruitment of B-lymphocytes cannot be attributed to a reaction against the
cement only and is evidently related to the deposits of metallic debris as well.
Hypersensitivity to the acrylic cement or its constituents has been claimed to aggravate
the foreign body reaction to wear debris. Inflammatory infiltrates around cement particles are
more extensive and the lymphocytic production of cytokines in vitro is higher in the presence
of PMMA in patients undergoing revision arthroplasties for aseptic loosening than for mechanical
failure or sepsis [152]. Macrophages dominate the inflammatory cell population of acetabular
interfacial membranes of loosened, cemented total hip arthroplasties. Close to 20 and 60% of
these cells are B7-1 and B7-2 positive, antigen-presenting cells, respectively. Activated CD28and CTLA-4-positive, mostly CD4 T-lymphocytes occur in abundance in these tissues. The B7CD28 costimulatory pathway is active at the bone–cement interface in the face of a low CTLA4 expression, favoring distinct connection between aseptic loosening and a chronic delayed
hypersensitivity reaction, which may be activated by autologous protein-coated wear debris
[153].
The immunocompatibility of PMMA has not been explored as extensively as its biocompatibility. The proportion of apoptotic phytohemoagglutinin-stimulated lymphocytes increases following their in vitro exposure for 4 h to the extracts of three of ten different cement types.
All these ten cements, however, inhibit lymphocytic proliferation in vitro and decrease the
lymphocyte’s IL-2 receptor expression but only two of the ten cements affect the expression of
the early activation antigen. If so, then the release of a product(s) from the cement hampers the
function of lymphocytes activated by one stimulus or another [154]. It has earlier been reported
that the augmented transformation of lymphocytes cultured in polymethylmethacrylate-enriched
media correlates with positive patch tests in patients with a loose artificial hip joint. These
patients’ blood contains more T-cells, B-cells, and activated (i.e., IL-2 receptor-positive) than the

Figure 16 An infiltration of B-lymphocytes with the formation of a lymphoid follicle (arrow) in the
periprosthetic tissues of a tibial component of a failed metal-on-metal total knee replacement. Immunohistochemical stain with monoclonal antibody CD22 (Dako), 300⳯.
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blood of patients with stable implants. Although indicative of a cell-mediated immune reaction to
the cement or one of its products, the findings do not correlate with the presence or absence of
an aggressive interfacial membrane [148]. Normal and immunodeficient mice evince identical
reaction patterns to subcutaneously implanted cement particles, casting doubt on a role of cellular
or humoral immune mechanisms in the body’s response to PMMA [155]. To summarize, the
antigenicity of acrylic cement and the potential role of anti-PMMA immune response in prosthetic failure remain uncertain.
In the course of investigating the role of immune-mediated prosthetic failure, the complement-activating capacity of polyethylene has been explored. The results of in vitro hemolytic
assays and double antibody immunoperoxidase staining technique indicate that the polyethylene
particles activate the alternative complement pathway. The occurrence of factors Bb, C3a, iC3b,
and SC5-9 have been demonstrated immunohistologically in samples of the pseudocapsules of
failed arthroplasties obtained at revision operations. Additionally, particulate polyethylene boosts
the adsorption of activated complement components. Such a localized activation of the complement cascade is possibly operative in the recruitment, proliferation, and activation of the macrophages during the early events of osteolysis [156].
G. Interfacial Micromotion and the Generation of Wear Particles
Interfacial micromotions are unavoidable in view of the differences between the elastic moduli
of the implant and bone. Migration of wear particles throughout the effective joint space is
reinforced by the pumping action of these micromotions. Accumulating at cement–bone interfaces, the wear particles recruit and activate the macrophages. The interfacial micromotions
further stimulate the macrophages, by which the inflammatory reaction is bolstered. Additionally,
they impair the regeneration of the bone [157–160].
Excessive interfacial shear stresses (due to component instability) augment the prosthetic
detritus by adding breakdown products generated at the surfaces of the intraosseous components
to those generated at the articulating surfaces. Poly-methylmethacrylate is not pathogenic. The
literature’s testimony with respect to its bioincompatibility is pathetic. Leukocytic infiltrates,
bleedings, and clustered foamy macrophages occur at the interface shortly after implantation,
such changes being encountered in the early postoperative period after many an inoffensive
surgical intervention [160,161].
Given that the granulomatous response to breakdown products of alloplastic components
of artificial joints plays the crucial role in prosthetic failure, a comment with respect to the
modes of wear debris generation is in place. The main source of the wear particles are the
primary bearing surfaces, whether related to motion in between the two articulating surfaces or
to an interposed third body, e.g., an acrylic fragment. Less significant, albeit by no means
trivial, sources are a surface of an intraosseous part, a primary bearing surface rubbing against
a secondary surface (e.g., a cement-contacting femoral head which penetrated through the polyethylene socket), and two secondary nonbearing surfaces rubbing against one another (e.g., a
polyethylene surface moving against a cement surface) [162,163]. Fractographic studies evince
that fractures of the femoral cement mantles are commonplace. Significantly, excessive generation of wear particles occurs at these fracture surfaces [144]. Lastly, contact of the asperities
on the mating surfaces at the fracture site of PMMA may produce large amounts of cement
particles [164].
H. Cellular Responses to Metallic Particles and Metal Ions
The metals and their alloys from which artificial joints are fabricated dissolve in body fluids.
To what degree is tissular necrosis due to toxic effects of the metallic ions released from the
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prostheses themselves or from their wear particles? Human synovial fibroblasts exposed in vitro
to 50 and 200 nmol/mm3 of cobalt or nickel chloride, respectively, undergo degeneration; no
such effects are evident following incubation of the cells with chromic chloride, ammonium
molybdate, or ferric chloride at concentrations up to 500 nmole/mm3. The toxic effects of CoCl2
on cells have been demonstrated in cultures of macrophages. The in vitro exposure to CoCl2
injures metallic particles–laden macrophages isolated from interfacial membranes as evidenced
by an inhibition of the cell activation and reduction of the cell proliferation (Fig. 17). Fibroblasts
exposed to pure cobalt or vanadium particles under similar culture conditions are poisoned, but
they are not so affected by pure nickel, chromium, molybdenum, titanium, or aluminum particles.
This ostensible discrepancy is most likely related to the high solubility of cobalt and vanadium.
Nonetheless, osteogenesis does ensue in the vicinity of metallic debris–containing macrophages’
infiltration the interfacial membrane (Fig. 18).
It is not without an untoward repercussion that cobalt–chromium alloy–based surfaces
articulating against themselves release notably high quantities of cobalt ions. These most likely
are harmful to the tissue, whether through direct toxicity or immunization of the host [166].
Past experience supports this perception in as much as delayed hypersensitivity reaction to
cobalt, but not to nickel or chrome, has been observed in patients with McKee hip arthroplasties
failing within 1 to 3 years of operation. Sizable necrosis of the bone and pseudocapsule has been
witnessed on assessing these patient’s periprosthetic retrieved specimens. The high prevalence of
metal sensitivity in the patients with McKee arthroplasties is in contrast to the rarity with which
immune responses to metals have been noticed in patients with Charnley prostheses [167].
Metallic dust–laden macrophages are encountered in a majority, if not in all, of retrieved
periprosthetic tissues subjected to a diligent search. As early as 1973, Charosky and his coauthors
claimed that metallic particles were omnipresent, the greatest amounts being encountered in

Figure 17 Inhibition of cell activation and reduction of cell proliferation of metallic debris-laden adherent
macrophages, isolated from the tissues at the bone–cement interface by enzymatic digestion, cultured in
vitro in the presence of cobalt chloride for 48 h. Immunohistochemical stain with monoclonal antibody
EBM11 to the CD68 macrophage associated antigen (Dako), 400⳯.
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Figure 18 Newly formed osseous trabeculae (asterisks) surrounded by metallic particle–laden CD68
immunoreactive macrophages (arrows) within the bony shell under an interfacial membrane of a cemented
femoral stem. Immunohistochemical stain with monoclonal CD68, 400⳯.

interfacial membranes of infected implants. Metallic particles have been premised to be birefringent under polarized light. The published illustrations speak for the presence of blackish, metallic
dust in the polyethylene-burdened macrophages [168]. While metallic fragments may disclose
so-called pseudobirefringence, in as much as sharp edges brighten under polarized light, true
birefringence is not a property of metallic particles. In some patients with late-onset prosthetic
failure, the metallic debris seems to prevail over other species of wear debris [77]. Yet, its
relative contribution to the loosening process remains contentious.
The concentration, size, and topography of the metallic particles profoundly affect cell
growth and cytokine production in vitro culture tests. Even though there is agreement that
cobalt–chromium is more toxic than titanium and its alloys, the differential effect of diverse
wear particles on the level of cytokine release is contentious. Be this as it may, particulate metals
reduce the rate of uptake of 3H-thymidine, indicating compromised growth and proliferation of
cell in vitro [169–170]. Compared to fresh prepared samples, the in vitro toxicity of ‘‘aged’’
stainless steel, cobalt, and chrome particles is reduced. But monocytes exposed to aged metals
produce extra large amounts of IL-6 and PGE2. Causing the release of high levels of mediators
of osteolysis, the long-lasting tissular storage of the metallic particles is especially detrimental
to the integrity of the periprosthetic bone [171]. Having loosened after a service period of just
a few years, cemented titanium alloy–based femoral stems with Al2O3 ceramic heads may
disclose severe deformation of their neck, accompanied by extensive tissular necrosis overburdened by metallic debris [79]. Indeed, the linkage of metallosis and necrosis is convincing.
Incidental necrosis and prosthetic failure have been appreciated years ago [172]. Like other
authors, we have witnessed the presence of polymeric debris, in smaller or larger amounts,
wherever metallic detritus collects [78,79].
Apoptotic cells are more numerous in tissues burdened by metallic debris than in those
primarily containing polymeric or ceramic detritus. It is suggested that apoptosis is of central
importance in the loosening of implants releasing metal ions. In the past, its role in the loss of
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fixation has probably been underestimated because apoptotic cells do not provoke an inflammatory response. Metals released in toxic concentrations lead to cell degeneration and necrosis,
followed by discharge of intracellular enzymes and the ingested metallic particles. Repeating
itself, this cycle terminates in necrosis. For poorly understood reasons, this necrotic tissue is
sluggishly substituted by fibrous tissue. Excessive amounts of particulate metal amass under
certain circumstances, say, hard ceramic femoral heads rubbing against the softer titanium femoral stems or bacterial metabolic product–expedited corrosion of the implants. Metallic and polymeric particle–driven responses are similar to each other in many respects, both recruiting
macrophages and triggering the release of mediators which induce osteolysis [173–178]. In vitro
exposure of macrophages to clinically relevant concentrations of cobalt, chromium, or titanium
up-regulates the expression of bone-resorbing cytokines and inhibits the production of boneforming cytokines [179–180].
The levels of metals gauged in the tissues reflect the constituent elements in the alloys
making up particular artificial joints. But these ratios are skewed in cases with very low concentrations, implying that corrosion products accumulate in the tissues in addition to the wear
particles. The amounts of cobalt, chromium, nickel, and molybdenum vary from one patient to
another as well as from one site to another in one and the same sample. The total content of
these metallic species ranges from about 3 to 250 g per gram of dry tissue. Titanium is stored
in considerably larger amounts at certain sites and under certain circumstances, say, around
screw holes of cementless acetabular sockets. The mean titanium level is about 1620 g per
gram of dry tissue [139].
Macrophages are more or less indiscriminate in their response to the ‘‘small particles.’’
It is the number of such particles that decisively establishes the vigor of the macrophagic activation. This may account, among others, for the qualitative monotony of the biochemical and
morphological scene nearby different alloplastic components. Yet the macrophagic response is
controlled by the composition of the particles: cells exposed in vitro to submicron-sized particles
of titanium–aluminum–vanadium release larger amounts of bone resorbing intermediates (IL1␣, IL-1␤, IL-6, and PGE2) than macrophages stimulated by commercially pure titanium particles, polyethylene particles retrieved from interfacial membranes of failed artificial joints, or in
vitro fabricated ultrahigh molecular weight polyethylene particles. Levels of IL-1␤ in synovial
fluids are higher in patients whose failed artificial joints contain a titanium alloy–based component than in those of patients with loosened cobalt–chrome–based prostheses [107,177].
The loss of material from metallic parts occurs mainly in the form of corrosion products
[181]. But a small albeit not negligible portion of the loss is due to friction-induced generation of
particles at articulations, motion at metallic–polymeric interfaces, and impingement phenomena
[182]. Compared to the abounding polymeric detritus, there are as a rule just relatively small
amounts of particulate metal in the periprosthetic tissues obtained at revision operations.
Metallosis is less frequently encountered in association with components fabricated from cobalt
alloy or stain-less steel than in association with titanium- or titanium alloy–based components. In
addition, it is more often incidental to motion-induced fretting-corrosion of unstable, uncemented
rather than cemented femoral stems. Wear-through of polyethylene inserts may lead to metalon-metal contact of bearing surfaces such that metallic detritus is generated in large amounts.
Juxtaposed to a cemented part, metallosis may be related to abrasion under harsh mechanical
settings. Particles may also profusely emanate from femoral stems abrading against a cement
fragment, metallic surfaces abrading against intra-articular third bodies, a screw rubbing against
an acetabular socket backing, a cable used for the fixation of a trochanteric osteotomy, a titanium
alloy taper of a stem-head junction, or a broken head of a screw embedded within acetabular
cups. Under these and kindred adversities, the macrophagic reaction to metallic debris often
dominates over that to polymeric debris. Periprosthetic tissues of hip arthroplasties with a ceramic

Interfacial Membranes of Arthroplasties

329

femoral head serving for over 15 years may be replete with metallic dust–laden macrophages
but nearly devoid of macrophages filled with polymeric particles [76,128,183–188].
The McKee-Farrar and Sivash artificial hip joints with a cobalt–chrome metal-on-metal
articulation are suboptimal by current standards. Their bearing surfaces, nevertheless, reveal
low wear at operations performed for revision of loose femoral stems during the second or third
postoperative decade. A combined linear femoral and acetabular wear of 4 m or less per
year is manifold smaller than that typically seen with metal–polyethylene articulations. The
dimensions of the interfacial membranes and the intensity of the metallic particle–induced foreign body inflammation are small when compared with those usually found at revision of artificial
hip joints with a polyethylene acetabular bearing. Limited deposits of foreign bodies in these
cases might be unexpected, taking into account that wear of the articular surfaces, impingement
of the femoral neck on the acetabular rim, burnishing of the femoral stems, and corrosion produce
particulate metal. Innovators might do well to keep in mind that the long-term results of the
McKee-Farrar prosthesis are comparable with those of Charnley’s low-friction arthroplasties,
the 20-year survival probability (after exclusion of revisions for infections and dislocation) being
77 and 73% and the incidence of osteolytic lesions being 7 and 45%, respectively. It is intriguing
that no instance of metallosis has been observed in a series of 24 aseptically loosened McKeeFarrar prostheses [180]. In addition to a limited particle burden, a tolerable inflammatory response to particulate metals may be responsible for this, at first sight unforeseen, virtue of these
metal-on-metal arthroplasties [180].
The volumetric wear of metal-on-metal articulations is usually less than that of metal-onpolyethylene bearings. Myriad metallic particles are generated though in the wake of third body
abrasion, impingement of the femoral component against the rim of the acetabular cup, and
increased adhesive or abrasive wear. There is an increased potential for ionic and particulate
release compared with polyethylene-on-metal couples. In fact, serum levels of chromium and
cobalt are greatly elevated in patients with long-term surviving McKee-Farrar arthroplasties.
On the average, close to 6 mm3 of metallic debris is produced yearly, and the mean number of
particles is 1.7 billion per gram of periprosthetic tissue. Artificial joints’ specific details, i.e.,
the size of their femoral ball or contact with edges of recesses machined into a bearing zone,
alter the amounts of the generated debris [189].
Phagocytosis of submicron- to micron-sized particles of any metallic species stimulates
the macrophages, but the magnitude of the cellular activation differs from one element to another.
More IL-1␤ is produced by macrophages ingesting particles released from titanium alloys than
from cobalt–chrome alloys. In addition to the macrophages, polymorphonuclear leukocytes are
also stimulated in vitro and in vivo by phagocytosed titanium or cobalt–chromium particles. In
the subcutaneous pouch model of rats, neutrophils degranulate in the presence of particulate
metals, freeing ␤-glucuronidase and myeloperoxidase. The data suggest that neutrophil-mediated
acute inflammatory reactions to metallic debris play a role in the chain of events leading to
the later, macrophage-dominated chronic inflammatory response. Titanium and titanium alloy
particles prompt the fibroblasts to synthesize IL-6, basic fibroblast growth factor, PGE2, stromelysin, as well as tissue inhibitor of metalloproteinases. The augmented activities of fibroblasts,
macrophages, and neutrophils combine with the diminished activities of the osteoblasts to increase osteolysis and decrease osteogenesis [190–193].
I. Metallic Particles Versus Polyethylene Particles
Proliferation of MG63 osteoblast-like cells exposed in vitro to polyethylene particles is promoted
and, concurrently, the production of PGE2 and transforming growth factor-␤1 is increased.
Including everything, the change of the profile of the cytokines favors osteolysis and inhibits
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osteogenesis [194]. Interfacial membranes of well-fixated and also of some loose components
retrieved autoptically or at revision operations performed after the prostheses have served successfully for 15 or more years and sometimes have displayed distinctive features: these membranes consist of a mildly inflamed, densely textured, and focally hyalinized fibrous tissue
with scant cement and polyethylene debris–induced granulomas but widespread collections of
metallic dust–overloaded cells. Overall, unless unusually stern biomechanical circumstances,
say, impingement, have existed during the service of the prosthesis, metallic particles are scant
in the periprosthetic tissues of short-term-surviving joint replacements when compared to the
plentiful present polymeric debris. It is as if the metallic particle–induced macrophagic response
vicariously supplants the usually dominating polymeric particle–mediated macrophagic reaction
in the case of long-term-surviving artificial joints. In other cases of prosthetic joints which also
have successfully functioned for prolonged time periods, the bone–implant interface discloses
an osseointegrated cement mantle, a thin bland fibrous layer, or a polymeric debris–driven
granulomatous membrane [76,133,195].
J. Localized Versus Linear Osteolysis
Given that PMMA is not enzymatically broken down, the membranes cannot grow except at
the expense of the endosteal siding of the bone. Characterized by the formation of an intraosseous
cavity filled with soft tissue, localized osteolysis differs macroscopically from the coatlike interfacial membrane. In so far as inflammatory granulomatous reactions and mediator production
are concerned, essentially no differences between the interfacial membranes and tissues curetted
from osteolytic cavities are evident. Localized osteolysis, related to a poor cementation technique
with sites of less than 1-mm-thick acrylic mantle, is of more than just academic interest since
fractures easily spread through hollowed cortical bone. Acetabular bone loss is larger in patients
with well-fixated cementless cups showing expansile or localized osteolysis (roentgenographically characterized by a sharply demarcated radiolucent space with a rounded or scalloped
appearance and extending away from the surface of the implant) than that in patients with
cemented cups associated with linear patterned osteolysis (roentgenographically characterized
by radiolucent spaces appearing directly adjacent to the implant and having a relatively uniform
width of more than 1 mm). The prevalence of femoral osteolysis is higher in patients with
cementless than in those with cemented acetabular sockets. These differences are related to the
ease of dissemination of the wear particles, which in turn is a function of the dimensions of the
effective joint space as well as to the extent and size of the generated debris particles [196–199].
It is instructive from the historical outlook to keep in mind the often-witnessed massive
osteolysis with the former use of the ill-famed Teflon sockets which, splintering with ease,
polluted the tissues with extra-large amounts of polymeric detritus [200]. Nowadays, with the
utilization of contemporary biomaterials, the femoral and iliacal bones are less frequently affected
by extensive localized osteolysis, whether the adjoining component is securely fixated or otherwise. Both the distribution and extent of the localized osteolysis, rather than its morphological
features at the microscopical level, typify this complication [104,201,202]. Examination of the
tissues removed from the site of pathological fractures through the attenuated cortex shows
necrotic bone fragments incorporated in the debris-induced granulation tissue and luxuriant
osteoclastic activity along the underlying bone [203].
K. Wear Particles Determine the Pattern of Periprosthetic Osteolysis
Cement mantle defects provide routes through which wear particles from the defects cause
localized osteolytic lesions if the escaping wear debris provokes giant-celled granulation tissue
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from which bone-resorbing factors are released into the bony environs. Friable granulation tissue,
newly formed bone, and turbid fluid fill the osteolytic cavities [204]. A deficient cement mantle
between an acetabular cup and the bone is an important mechanism of formation of polyethylene
detritus. The direct contact of the polymer with the bone has been evidenced to be associated
with abrasion in one-third of cases with a segmentally absent acrylic mantle around a loose
acetabular component [205].
Aseptic loosening of artificial joints is associated with either linear osteolysis or focal
bone erosion, presenting roentgenologically as radiolucent lines and cystic bone lesions, respectively [206]. Linear osteolysis is more likely to develop around cemented components, whereas
expansive, localized, osteolytic lesions are mostly associated with porous-coated cementless
acetabular sockets. In contrast to the effective joint space at cement surfaces, which makes up
potential access channels for the joint fluid sustaining dissemination of micron-sized particles,
an osseointegrated ingrown bone confines the debris-laden fluid to one locale or another, where
it occasions localized osteolysis [207]. Gauging samples obtained at postmortem, Harris has
ascertained that, as late as the 17th postoperative year, linear osteolysis around cemented components progresses slower than localized osteolysis [208]. Although both patterns contribute to
the loosening of components due to loss of the bony support, focal and expansive lesions may
lead to a major destruction of bone stock, notably when occurring at multiple sites. Twenty to
25 years postoperatively, osteolysis by itself accounts for 35% of cases of acetabular loosening
but as a main and contributory factor it is responsible for loosening of the cemented femoral
components of 85% of the patients [209].

L. Biomaterial-Dependent Histological Features of the Bone–Implant
Interfaces
It goes without saying that a biomaterial-dependent feature of the interfacial membranes relates
to the artificial joint’s makeup, say, stainless steel, cobalt and its alloys, titanium and its alloys,
PMMA, polyethylene, polyacetal, or ceramics. In other points, the microscopical scene at the
implant–bone junction is monotonous in so far as the tissular reaction to diverse species of
prosthetic debris expresses a prototypical foreign body response. The uniform and common
motif of these tissular reactions may have been unanticipated but for preconceived notions
inherited from our predecessors’ command of the principles of general pathology [84,110]. The
histological features observed in samples taken at revision operation of cementless and cemented
knee components are also similar to each other with but a few exceptions such as a more widely
hyalinized fibrous tissue in membranes abutting on an acrylic mantle [210]. The periprosthetic
tissues of well-fixated and loosened total hip arthroplasties are microscopically similar one to
another in so far as both evince the inner synovial-like coat overlying a layer rich in macrophages
and foreign body giant cells which aggregate in a fibrous matrix. The reaction patterns in tissues
retrieved from osteolytic regions near a hydroxyapatite-coated or a cemented femoral stem are
also similar to each other, including the intensity of the inflammatory and granulomatous responses, with the self-evident absence of poly-methylmethacrylate-induced reactions in cases
of cementless arthroplasties and presence of Ca-P particle–laden macrophages in cases of hydroxyapatite-coated artificial joints [205]. The limited armament that the body can mobilize in its
defence against inanimate ‘‘invaders’’ accounts for the histological monotony of the interfacial
membranes of intraosseous implants [211]. Histologists cannot deduce, without recourse to
physicochemical analysis, the makeup of debris by appraising wear particles’ shape, size, color,
and physique or estimating the relationships between resident and immigrating cells partaking
in the inflammatory granulomatous reaction at the interface.
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The above-portrayed histological characteristics of the periprosthetic tissues embody generalizations based on analyses of autoptically or operatively retrieved specimens of generic
total artificial joints. Orthopedic surgeons, bioengineers, and materials scientists came up with
variations on the theme of total joint replacement. The modifications, ranging from cementless
technique to structurally reconstructed parts (e.g., porous-coated) to compositionally redesigned
components (e.g., hydroxyapatite-coated), are not the subject of this chapter. As far as cemented
fixation is concerned, trivial differences have been recorded between the histological findings
of the interfacial membranes around one variant artificial joint and another. Suffice it to remind
the reader that innovations may bring about unforeseen complications. Macroscopic corrosion
at the head–neck junction of modular femoral components is most likely at fault for the overloading with metallic particles (perhaps toxic) with its attendant extensive tissular necrosis [212].
Because of enhanced creep resistance, improved wear properties, and increased strength, use of
carbon fiber–reinforced polyethylene-based tibial inserts has been advocated, which one expects
to prevail over the effects of the harsh biomechanical situation at the femoral-tibial articulation,
where contact stress in noncongruent designs exceeds the yield strength of polyethylene. Unsurprisingly, in addition to the granulomatous reaction to the common species of prosthetic detritus,
the retrieved specimens also reveal a carbon particle–induced foreign body granulation tissue.
This is worrisome because the carbon particulate–induced granulomatous response inhibits healing processes [213,214]. The results of cemented total hip arthroplasties with ‘‘modern’’ titanium
alloy femoral stems and cobalt–chrome alloy heads are reportedly poor, 8% of the hips having
been judged clinically fair or poor and 11% of the femoral stems to be radiologically loose at
the second to eighth postoperative follow-up year. Stem cement debonding is the presenting
initial setback in 85% of these cases. This high failure rate—especially when compared with
the failure rate of similarly designed cobalt–chrome alloy stems—has persuaded some surgeons
to abandon employing titanium alloy femoral stems for cemented total hip replacements. In
these authors’ practice, metallic particle–overloaded macrophages abound in patients’ and experimental animals’ tissues neighboring titanium- and titanium alloy–based devices [215,216].
Shadowy perspectives are accentuated in synopses of treatment modalities issuing from
pathologists’ pens. As a rule, pathological evaluations are carried out on what failed rather than
on what succeeded. Particulars of the synovial-like membrane, periprosthetic osteolysis, and
aseptic loosening of artificial joints are over-represented in the literature. This misrepresents
the actual clinical situation. The outcomes of cemented total arthroplasties exemplify a succès
fou of reconstructive surgery. Serious postimplantation complications and rates of revision have
declined in recent years despite an increasing number of patients at risk. Being an indication
of 70% of all revision operations, aseptic loosening of cemented artificial joints is still an urgent
predicament. In Sweden, its incidence at the 10-year post-operative interval has declined to less
than 3% during the past 15 years. In addition to a proper choice of the implant for each individual
patient, accurate surgical and specifically cementing techniques are essential to a satisfactory
long-term service of arthroplasties [217]. The results of illustrative in vitro experiments, carried
out at the beginning of the modern arthroplasty era, have acquainted practitioners with the
importance of a clean and dry cancellous bone surface at the time of implantation, adherent
blood being responsible for weakening the tensile and shear bond strengths to a critical degree
[218]. The component’s mechanical properties as well may contribute to artificial joints fate.
By promoting very efficient stem-to-cement-to-bone force transmission, the normalized, proportionalized, cemented femoral stem lessens hoop stresses, thus reducing the incidence of interface
failure. In addition to highlighting the meaning of an ideal biomechanical situation, the low
loosening rate of these stems (1.6% at the 15-year postoperative interval) attests to the commendable intraosseous behavior of polymethylmethacrylate [219]. The findings of a follow-up study
of over 63,000 patients convincingly elucidates the part played by a proper design in deciding
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the fate of arthroplasties: complete polyethylene failure, i.e., a fracture or total wear through
the acetabular insert, have befallen ⬃2.5 and ⬃0.3% of patients with a total hip replacement
possessing an all-polyethylene or a metal-backed acetabular cup, respectively [220]. How surgeons implant an artificial joint and their patients’ bone quality may turn the scales: femoral
stems implanted with a 2- to 5-mm-thick proximal cement mantle evince a better outcome than
those implanted with thicker or thinner cement mantles. The results are better in patients with
femoral stems filling more than half of the medullary canal than in those whose stems fill half
or less of the canal. Loosening, cement fracture, and cement–stem or cement–bone detachment
more likely ensue in patients whose stems are oriented in more than 5 degrees of varus than in
those whose stems have been implanted in a neutral or valgus orientation. Finally, the best
results are observed when patients’ proximal medial cancellous bone of the femur is about 2
mm thick when compared with the outcome in patients with a thicker cancellous bone [221].
Disagreement between the champions of cemented versus cementless total arthroplasties
will not go out of existence in the foreseeable future. Adherents of cementless systems have to
persuade their interlocutors that the outcome data do not favor cementation of femoral stems
of hip arthroplasties. Currently, cemented implantation of femoral stems is associated with
excellent to good clinical results in 97%, thigh pain in 3%, implant subsidence in 0%, and
endosteal cavitation in 6% of the patients. This unfavorably compares with excellent to good
clinical results in 88%, thigh pain in 40%, implant subsidence in 22%, and endosteal cavitation
in 12% of the patients with noncemented femoral stems [222]. These data are based on the
experience of orthopedic surgeons whose patients were operated upon in the 1980s and whose
artificial joints are, thus, viewed as old fashioned by present-day criteria. Nevertheless, 13 years
postoperatively, the 94% survival rate of cemented total artificial knee joints implanted between
1976 and 1989 connotes attainment of efficacious surgery [223]. This result stands out when
collated, to cite an instance, with a 33% failure rate at less than 5 years follow-up evaluation
of patients with a unicompartmental porous-coated anatomic cemented artificial knee joints
implanted between 1985 and 1992 [224]. Roentgen stereophotogrammetric analysis, which has
ushered in a novel option of matching diverse fixation modes with each other, evinces that
secure fixation of uncemented femoral components is rarely achieved such that ‘‘the use of
cement still seems justified [225,226]. Be that as it may, the clinical, morphological, and biochemical information gathered during decades of proficiency with cemented total arthroplasties
ought to serve as the gold standard by which the results of other treatment modalities, primarily
cementless total joint replacements, should be measured.
Micromovement of the femoral stem within a strong intact cement mantle is compatible
with prolonged survival of total hip arthroplasties provided that wear debris generation is kept to
a minimum [227]. The cemented component’s fixation strength is the product of the mechanical
interlock achieved and the extent to which bone–cement interdigitation persists for the period
of the implant’s intended service. The implant–cement interfacial strength is governed by the
roughness of the surface of the component and the topography of the surface of the adjacent
bone [35,228–230]. Long-lasting fixation strength depends on patients’ age, level of activity,
and bone quality on the one hand and the relative volume of the cement involved in mechanical
interlock with the bone, the wear of the cement and polyethylene surfaces, and the shedding of
particles from the metallic surfaces on the other. Rough surfaces secure greater fixation strength
but also yield larger amounts of motion-induced wear debris [35,231]. The actual volume of
interdigitation is smaller than the theoretically accessible volume because of the interfacial void
content, polymerization shrinkage, viscosity of curing methylmethacrylate, improperly applied
pressure. and miscellaneous surgeon-related factors [232]. Amounts, dimensions, and shapes of
the polyethylene particles deposited interfacially seal the fate of the majority of artificial joints
failing during the first postoperative decade. Generation of wear debris is affected by multiple
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factors, prime among which are patient-related variables, lubrication, diameter of the femoral
head, third body abrasion, as well as manufacture-related quality statistics, e.g., base resins,
fabrication methods, fusion defects, surface finish, and sterilization technique [233].

III. The Diversity of Cellular Responses at the Bone–Implant Interface
Much of our understanding of the complex biological processes involved in periprosthetic bone
erosion is derived from in-depth analysis of samples retrieved during revision surgery of failed
implants or removed at autopsy. These include the interfacial membrane, synovial membrane,
synovial fluid, bone, and bone marrow. Interfacial membranes are formed as a result of a massive
influx of cells, responding to the presence of foreign bodies. With subsidence of the acute
inflammatory reaction, the earliest recruited cells are macrophages and fibroblasts, followed by
endothelial cells, T-lymphocytes, and mast cells.
Mono- and polykaryonic macrophages are the dominating cellular component at the
bone–implant interface of most revised artificial joints (Fig. 19). However, in a certain proportion
of cases, the T-lymphocytes are, at least segmentally, the most prominent part of the cellular
infiltration (Fig. 20). Ingestion of undigestible particles, i.e., phagocytosis in the absence of
disintegration of uptaken biomaterials, results in the cells’ increased metabolic rate, augmented
motility, irreversible transformation, and release of intermediates. It is well known that the
macrophages produce over 100 proinflammatory mediators, cytokines, cytokine receptors,
growth factors, and proteases. A subset of the cells may be persistently stimulated. Interestingly,
new bone formation ensues in the midst of metallic debris–laden macrophages.
Following phagocytosis, the macrophages acquire a substantially increased capacity for
cell fusion with the formation of multinucleated giant cells (MNGC). Cell fusion is a complex

Figure 19 Abundant superficially congregated and some, more deeply, scattered CD13-immunoreactive,
monokaryonic (arrow heads) and polykaryonic (arrows) macrophages within the inflammatory infiltrate
of the cement mantle–facing aspect of an interfacial membrane. Immunohistochemical stain with the
monoclonal antibody CD13 (Dako), 250⳯.
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Figure 20 Within the interfacial membrane of this aseptically loosened, cemented cobalt–chrome alloy–based total hip arthroplasty, the inflammatory infiltrate consists primarily of T-lymphocytes. Immunohistochemical stain with monoclonal antibody CD3 (Dako), 300⳯.

process, involving the expression and interaction of a number of membrane-associated molecules. It is thought to impact the functional attributes of the developing giant cells. The foreign
body MNGCs share certain morphologic, phenotypic, and functional characteristics with authentic osteoclasts [234–236]. The MNGCs express the osteoclast lysosomal enzyme tartrate-resistant acid phosphatase (TRAP), integrin (vitronectin receptor ␣V␤3, CD51/CD61), and calcitonin
receptor. The last, a lineage-specific marker, is expressed by committed mature osteoclasts.
The expression of the calcitonin receptor is enhanced following the attachment of the cells to
mineralized bone surfaces [237].
In view of the central role of the osteoclasts in periprosthetic bone erosion, the molecular
mechanisms and mediators involved in the conversion of wear debris–containing macrophages
into MNGCs has gained wide interest. The results of in vitro culture models imply the possible
differential regulation of macrophage fusion by hematopoietic growth factors, cytokines, lymphokines, and selective adhesion molecules as well as by chemical stimuli. Hematopoietic growth
factors, namely, GM-CSF and macrophage colony stimulating factor (M-CSF), are implicated
in the regulation of the differentiation of macrophages and early precursors of MNGCs and
osteoclasts [238–240]. In addition, induction of macrophage-derived MNGCs has been evidenced in response to phorbol myristate acetate, interferon-␥, and concanavalin A–stimulated
lymphocyte-conditioned media [241,242]. Using either mouse bone marrow– or pulmonary
alveoli–derived mononuclear cells, McInnes and Rennick have demonstrated that interleukin4 (IL-4) promotes an aggregation of cells and development of MNGCs [243]. Later experiments
by McNally and Anderson have, for the first time, revealed a clear distinction of the specific
roles of diverse cytokines in the evolution of different morphological variants of the MNGCs.
Thus, IFN-␥, IL-3, and GM-CSF have been identified in association with emerging Langhans
type of MNGCs, i.e., relatively small giant cells with less than 50 nuclei arrayed in a circular
fashion at the cytoplasmic periphery, whereas IL-4 consistently induces large foreign body
syncytia, i.e., cells with over 100, randomly distributed nuclei [244].
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Recent progress made in the cognition of the intercellular signalling pathways affecting
generation of MNGCs is impressive. But the use of in vitro systems does not allow a precise
identification of the principal factor(s) responsible for MNGCs-mediated periprosthetic osteolysis. This knowledge is particularly important for the development of novel strategies for the
prevention of the generation and survival of these cells and control of their bone-resorptive
activity at the site of artificial joints. To be stressed, in this context, is the expression and specific
localization pattern of GM-CSF by particle-laden macrophages in the lining and sublining layers
at sites close to biomaterial surfaces and deposited wear debris [236]. Macrophages at the
interface also manifest simultaneous expression of the intercellular adhesion molecule-1 (ICAM1/CD54) and complement receptor C3biR (CR3, CD11b/CD18), implying a mechanism of homotypic adhesion [84]. The activity of the complement receptor C3biR supports that of the lymphocyte function antigen LFA-1 (CD1) in the cell–cell fusion of particle-containing macrophages
as well as their adhesion to the surfaces of biomaterials [245,246]. The adhesion of activated
macrophages and MNGCs to biomaterial’s surfaces through these processes plays a role in
their degradation as a result of the cell’s uncontrolled release of oxidative products, such as
hypochlorous acid and derivatives of nitric oxide [247].
Of particular interest in the context of orthopedic reconstructive surgery is the development
of MNGCs that fulfil the criteria of osteoclasts in terms of their antigenic properties and functional characteristics as bone-resorbing cells. Conversion of fused macrophages into mature
osteoclast-like giant cells and their terminal differentiation appear to be determined by the
expression and acquisition of antigen phenotypic markers of osteoclasts. The latter include the
calcitonin receptor, the integrin vitronectin receptor (CD51/CD61), an osteoclast lineage specific
marker, and other markers shared with macrophages, such as TRAP, CD9, CD13, CD68, and
ICAM-1/CD54 [248–252]. Other cells, say, macrophages, osteocytes, and fibro-blasts, degrade
the organic osseous matrix by a range of lysosomal enzymes that are formed in response to the
effects of bone-resorptive hormones and cytokines [253].
The osteoclasts are unequalled in their capacity for lacunar resorption of the mineralized
bony matrix under physiological conditions. After fusion of committed precursor cells of the
monocyte–macrophage lineage, the differentiating MNGCs acquire and express several enzymes, cytokines, and cell membrane–associated receptors. In addition to the above-mentioned
TRAP and vitronectin receptor, matrix metalloproteinase-9 (MMP-9) and transforming growth
factor-␣ (TGF-␣) are also expressed by the osteoclasts [254–256]. Osteoclasts undergo a rapid
phenotypic change and cellular polarization during bone resorption by creating two membrane
domains. The sealing zone is one such domain. It constitutes the specialized cell–extracellular
matrix adhesion structure that mediates a tight attachment of the cell to the bone matrix. The
second domain, the ruffled border, makes up the area of complex folding of the cell membrane
which is closely apposed to the resorption lacuna within the surface of the mineralized bone.
It plays a central role in the processes of demineralization and dissolution of the osseous matrix
[257,258]. The resorption is facilitated by the low pH generated via an active secretion of protons
by the V-type proton pump in the ruffled border and intracellular vacuoles [259].
Lack of an absolutely specific, phenotypic osteoclastic marker makes it difficult to ascertain the functional similarity between MNGCs within the interfacial membranes and osteoclasts
at the bone–implant interface. Nevertheless, immunological studies of cytokines and their receptor profiles and also of other potential mediators support a common biological role for these
cells in line with the expression of common bone resorptive markers, i.e., IL-1, TGF-␣, MCSF, MMP-9, ICAM-1, CD13, as well as classical markers, i.e., TRAP, calcitonin receptor and
vitronectin receptor [84,234,256–262].
In addition to the intermediates-induced effects of MNGCs and macrophages on osteolysis,
prosthetic failure is also attributed to compromised osteogenesis. Diminished bone formation
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may be due to impeded proliferation, impaired differentiation, or decreased functional competence of the osteoblasts. Wear particles and metal ions are toxic to osteoblasts in vitro. In their
pioneering research, Vermes et al. have challenged cultures of the MG-63 osteoblastic cell
line with micron-sized particles of different provenance (commercially pure titanium particles,
chromium orthophosphate, medical-grade ultrahigh molecular weight polyethylene particles,
and polystyrene). These studies have revealed, for the first time, the osteoblasts’ capacity for
phagocytosis of particles. It appears that the cells’ gene expression is thereby altered through
the action of various nuclear transcription factors. Particle-stimulated osteoblasts’ synthesis of
type I collagen is reduced due to suppression of procollagen ␣/1 gene expression. Further, the
cell’s activation of protein tyrosine kinases is associated with the activation of the nuclear
transcription factor (NFkB) which is central to the production and release of a wide range
of inflammatory cytokines and PGE2 [263,264]. Lastly, prosthetic particle–induced caspasedependent apoptosis is demonstrated at a high level with premature osteoblasts. The contact of
this cell fraction with wear particles markedly impacts the expression of gene coding for inflammatory cytokines and those controlling the architecture of the nuclei [265].
These findings collectively unravel a critical role of particle-exposed cells in osteolysis
through activation of osteoclasts on the one hand and in osteogenesis through suppression of
osteoblasts on the other. If this is indeed the case, a novel approach in the control of prosthetic
failure envisages therapies that promote the survival and activities of osteoblasts to achieve
optimal new bone formation.
A. The Role of Cytokines in Periprosthetic Osteolysis
Cytokines comprise a group of low molecular weight proteins that are mainly produced by cells
pertaining to the body’s defence mechanism and have profound impact in the regulation of
immune reactions, inflammation, and tissue remodeling. Released as soluble mediators, these
factors act in a paracrine or autocrine fashion to coordinate those cell–cell interactions that are
essential for the development and growth of cells within the skeletal tissues. Autocrine regulation
of cellular functions is achieved by the binding of a cytokine produced by a particular cell to
a specific counter-receptor expressed by the same cell. The paracrine mechanism of activity
comprises the binding of that cytokine to specific counter-receptors expressed on adjacent cells.
The production of the cytokines is highly regulated and is provoked by a variety of biological,
chemical, and mechanical stimuli. Even though pleiotropic and overlapping in their biological
properties, most cytokines appear to have selective actions. This is apparent, for example, in
the specific regulatory role of M-CSF in the generation and differentiation of precursors of
osteoclasts and the bone-resorbing capacity of their mature counterparts [266]. Expression of
cytokines is essential for the maintenance of the body’s competent defence mechanisms. Yet,
up-regulated and uncontrolled production of cytokines is implicated in the pathogenesis of certain
illnesses, including autoimmune disorders and neoplasms. But on the bright side the recent
identification of a large number of naturally occurring cytokine inhibitors and cytokine receptor
antagonists opens up novel options for the control of many diseases. In particular, blocking the
TNF-␣ with a soluble TNF-␣ receptor fusion protein or monoclonal antibodies is emerging as
a viable therapeutic tool in the control of inflammatory joint disorders.
The intimate relationship between bone cells and immune cells in terms of the responsiveness of the former to osteotropic cytokines and endocrine factors formed by the latter is based
on the regulatory role of bone marrow cells (marrow stromal cells, fibroblasts, and monocytes)
in bone formation, resorption, and remodeling [267,268]. The above-discussed cytokines have
been extensively studied in relation to periprosthetic pathological bone erosion and in particular
the level of their production in the bone-implant interface membranes retrieved from patients
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undergoing joint revision of failed prostheses. Likewise, special attention is due to the part
played by the macrophages because their activation by the ingested implant’s wear debris is
associated with the release of mediators of inflammation, fibrosis, and osteolysis.
B. Interleukin-1 and Tumor Necrosis Factor-␣
Interleukin-1 and TNF-␣ are the first macrophage-derived cytokines to have been recognized
as in vivo and in vitro osteolysis-promoting intermediaries [269–271]. Both exert a potent effect
on the generation of osteoclast precursors and development of their different maturational stages
[272]. The IL-1–induced hypercalcemia occurring in an in vivo model of osteoclast formation is
reminiscent of the osseous environment in patients with rheumatoid arthritis, in which osteoclastinduced osteopenia is an everyday x-ray finding [273,274]. Interleukin-1 and TNF-␣ perform
in a paracrine fashion through binding to specific receptors on adjacent cells, a function that is
central to the regulation of the cellular responses. These cytokine-producing cells also express
receptors facilitating an autocrine function: those cytokines that bind to cells from which they
have been released autoregulate the cell’s activation, growth, and signaling. As to this chain of
events, it is similar to that operative in patients with some chronic inflammatory or autoimmune
diseases [275,276].
Assessment of expression of cytokines in the interfacial membranes reveals a substantially
raised level of their production. Horowitz et al. have discovered that polymethylmethacrylate
provokes the macrophages to boost their synthesis of IL-1, TNF-␣, and PGE2. Their studies
comprise specimens of interfacial membranes surrounding cemented femoral stems of total hip
arthroplasties as well as of samples of in vitro cultured cell line J774 macrophages challenged
with 1- to 12-m-sized Simplex or Palacos cement particles. Notwithstanding the phagocytosismediated increase in the release of bone-resorbing cytokines, 3H-thymidine incorporation is
inhibited, suggestive of toxic effects of the cement particles [277]. Larger amounts of IL-1␤
than IL-1␣ are released at the interface of cemented acetabular sockets of total hip replacements
and at the interfaces of cemented versus cementless failed artificial joints [278,279]. Conditioned
media of cultured peripheral blood monocytes exposed to 1- to 2-m-sized nonpolymerized
methacrylate particles or pulverized polymethylmethacrylate contain IL-1, TNF-␣ and PGE2,
which directly affect bone resorption, as verified in the calcium release assay using pre-labeled
murine limb bone assay [280].
The release of potent osteoclastogenic cytokines, such as IL-1 and TNF-␣, by wear particle–activated macrophages has attracted the attention of clinical researchers and materials scientists. Using an in vivo murine bone marrow model, Merkel et al. have shown that PMMA
particles induce c-src, a protein that is specifically expressed when the marrow macrophage
progenitors commit to the osteoclast lineage. Since TNF-␣ is the only osteoclastogenic factor
known to be c-src inductive, the authors have analyzed the role of this cytokine as the possible
major cytokine triggering the particle-induced osteoclastogenesis. They have established in a
gene deletion experiment that the deletion of the expression of TNF-␣ receptors p55 and p75
or p55 alone results in failure of the production of the c-src protein by bone marrow macrophages
and in protection from osteolysis following the implantation of the cement particles in the
calvariae of wild-type mice [281].
More recently, TNF-␣ cooperating with the nuclear factor- B (NF-B) has been implicated in the biological process responsible for aseptic loosening of artificial joints. In this study,
the authors employed a mouse cell culture and a mouse in vivo model to assess the inflammatory
responses to titanium particles, induction of TNF-␣, and signaling process leading to activation
and translocation of the NF-B transcription factor. Binding of TNF-␣ to the TNF-␣ receptors
type I (p55) or type II (p75) initiates a rapid nuclear translocation of the NF-B by way of
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degradation of the inhibitory factor-B (I-B), the intracellular inhibitor of NF-B. The titanium
particle–induced decrease of the cellular I-B and translocation of NF-B to the nucleus preceded by 30 min the production of TNF-␣ by the J774 cell line macrophages. Extensive bone
resorption and fibrous encapsulation of the titanium particles implanted in the animal’s calvariae
accompany the excessive TNF-␣ production within 1 week of the operation. These findings
have been reinforced by the results of testing mice that genetically overproduce TNF-␣ (hTNF␣-Tg), mice defective in TNF-␣ signaling TNF-␣ (TNF-Rⳮ/ⳮ), and animals that are NF-B
transcription factor deficient (NF-B1ⳮ/ⳮ): The hTNF-␣-Tg mice have a grossly exaggerated
inflammatory response, the TNF-R(ⳮ/ⳮ) mice show scant inflammation and bone resorption,
and the NF-B1ⳮ/ⳮ mice disclose an inflammatory response but no bone resorption. To conclude, phagocytosis of particles stimulates the macrophages, resulting in the activation of nuclear
transcription factor-kappaB and production of tumor necrosis factor-␣. The latter directly incites
fibroblastic proliferation, eliciting an interfacial fibrosis and recruits as well as activates osteoclasts to resorb the adjacent bone [95].
This chain of events holds true for cement particle–stimulated macrophages as well: exposure of murine osteoclast precursors to PMMA particles prompts the nuclear translocation and
activation of NF-B. A soluble inhibitor of TNF-␣ dampens the particle–directed NF-B activation. This response is abolished in TNF-␣–deficient osteoclast precursors. Thus, PMMA particle–induced activation of NF-B is a secondary event resulting from the enhanced TNF-␣
expression. The nuclear transcription factor NF-B mediates TNF-␣ signaling, and this transcription complex is necessary for osteoclastogenesis [282].
C. Interleukin-6
Interleukin-6 is produced by cells of the body’s defense mechanism as well as by the osteoblasts
and osteoclasts [283,284]. It has been recognized to be a potent bone-resorbing factor in view
of its ability to induce the formation of osteoclast-like cells and the expression of vitronectin
receptor. Interleukin-6, an osteoclast functional antigen, plays a regulatory role in homeostasis
of calcium and in osteoclastic bone resorption mediated by osteotropic hormone, such as parathyroid hormone–related protein [285]. For example, in multiple myeloma–related focal osteolysis,
the up-regulated production of IL-6 by the marrow stromal cells is associated with local stimulation of osteoclasts at the site of neoplastic cell aggregates next to the bone [286]. The close
proximity of the bone surfaces to the cytokine-producing, particle-laden macrophages suggests
that similar mechanisms of local osteoclast activation or formation of MNGCs are mediated by
IL-6 in the interfacial membranes as well.
Production of high levels of IL-6 by macrophages is stimulated by ingestion of wear
particles. Expression of IL-6 has been demonstrated in sections of interfacial membranes and
macrophage cell lines as well as peripheral blood monocytes in vitro exposed to prosthetic
particles. Diverse particle types differently affect macropahgic activities. Relative to particles
derived from cobalt–chrome or polyethylene devices, those of titanium–aluminum–vanadium
origin are more powerful inducers of IL-6. It has been recognized, however, that toxicity of
cobalt–chrome is a limiting factor in assessing the level of elaborated mediators because of the
reduced cellular activity and increased cell death, especially when cultured cells are exposed to
high concentrations of this alloy [108,169,287–289].
High levels of IL-6 have been uncovered in the synovial fluid and the synovial membrane
of patients with erosive rheumatoid arthritis as also in the synovial fluid of patients with prosthetic
failure [279,290,291]. Nivbrant and his coworkers’ observations are of interest in the context
of the cytokines’ role in osteolysis: the synovial fluid from patients with well-functioning or
loose artificial hip joints contain higher amounts of IL-6, IL-1␤, and TNF-␣ than that of patients
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with osteoarthritis. It should be emphasized that the increased levels of the cytokines are linked
to the loosening process and bone resorption and are independent of the duration of implantation
or the patients’ age or gender [292].
Conditioned media of macrophages exposed to PMMA particles contain an abundance of
TNF-␣ that stimulates cultured osteoblasts to release IL-6, GM-CSF, and PGE2. Extrapolating
to the clinical setting, Horowitz and Purdon suggest that following on mechanical failure or
fragmentation of the cement mantle, PMMA particle–primed macrophages release TNF-␣ that,
in turn, impacts the expression of IL-6, GM-CSF, and PGE2 by nearby osteoblasts. The authors
implicate these cytokines as triggering factors in the recruitment of macrophages and osteoclast
precursors into the interfacial area, where they affect bone resorption and implant failure [293].
Contact of the particulates with and attachment to the cell surfaces institute the sequence
of events that triggers the alterations in specific membrane receptors and transfer of external
signals through the receptor’s cytoplasmic domain. The transfer of the external signals is succeeded by the synthesis of protein, phosphorylation of cytoplasmic protein, activation of transcription factors [among them the NF-B and nuclear factor interleukin-6 (NF-IL-6)], and modulation of gene expression [294].
The levels of IL-6 and TNF-␣ in the interfacial membrane serve as a measure of macrophagic activation. Obtained by enzymatic digestion of granulomas at the bone-implant interface,
⬃0.7-m-sized titanium particles amplify 40-fold and seven-fold the release of TNF-␣ and IL6 respectively by adherent peripheral blood monocytes. That cells treated with cytochalasin B
ingest 95% less particles than untreated monocytes but persevere in their release of cytokines
suggests that particle–induced activation is independent of ingestion of particles. There is evidence to suggest that cell surface–bound complement receptor proteins CD11b and CD18, and
predictably other receptor proteins as well, are involved in recognition of prosthetic debris.
Binding of particles to membrane surface ligands apparently suffices to activate cytokine production in the absence of phagocytosis. This mechanism’s inhibition by actinomycin D (which blocks
RNA synthesis) cycloheximide (which impairs protein synthesis) implies that the activation of
cytokine production by binding particles to the cells’ surface ligands is dependent on transcriptional and translational processes. By these means, the external stimuli are transmitted to the
nucleus through intracellular signaling that involves phosphorylation of select target proteins,
leading to the translocation of the transcription factors NFkB and NF-IL-6 from the cytoplasm
to the nucleus. Alteration of the gene expression and release of the cytokines are mediated by
the activation of the transcription factors. Secretion of these cytokines can further switch on a
substantial inflammatory signal transduction network by acting in an autocrine and a paracrine
fashion through binding the relevant cytokine receptor on nearby macrophages, T-lymphocytes,
fibroblasts, and endothelial cells [289,294].
D. Hematopoietic Growth Factors
Of the several members of the family of hematopoietic growth factors (colony stimulating
factors), GM-CSF, M-CSF, and IL-3 are known to participate in the regulation of bone cell
development and function. The epithet ‘‘colony stimulating factor’’ reflects their initial identification through cell culture systems designed for the clonal growth of hematopoietic progenitor
cells in semisolid media. Indeed, the colony stimulating factors have proven their capacity
in inducing clonal growth (formation of colonies of specific lineages) in cultures of marrow
hematopoietic cells. They are produced by the stromal cells, osteoblasts, osteoclast progenitors,
macrophages, endothelial cells, and T-lymphocytes of the bone marrow. In this micro-environment, they fulfil vital multifunctional roles during hematopoiesis and osteopoiesis. Of special
interest in the context of what occurs at bone–implant interfaces is the key role of GM-CSF
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and M-CSF in the generation and maturation of the bone-resorbing osteoclasts and osteoclastlike multinucleated giant cells [295].
Horowitz and Jilka have shown that, in vitro cultures of intact bone and bone marrow
progenitors, GM-CSF and M-CSF affect osteoclast formation and function at diverse stages of
their differentiation. These factors have a profound effect at the earliest stages because they
regulate the proliferation of the osteoclast progenitors [296]. Particularly, GM-CSF stimulates
the cellular fusion and formation of multinucleated giant cells from mononuclear progenitors
in bone marrow cultures [238,297]. The role of GM-CSF as a potential regulator of bone resorption is based, inter alia, on its reinforcing effect on 1,25-dihydroxyvitamin D3, a calcium-regulating hormone that stimulates the formation of osteoclast and osteoclast-like cells [298]. And
lastly GM-CSF assumes cytokine function in contributing to the maintenance of activation of
cells of the monocyte–macrophage lineage in chronic inflammatory conditions. Histological
analysis of interfacial membranes of failed artificial joints discloses the expression of GM-CSF
primarily by certain subsets of macrophages and multinucleated giant cells at the early stages
of fusion, at which there is a small number of nuclei in these polykaryons. By the way, some
fibroblasts and endothelial cells also produce this cytokine under certain circumstances. A significant proportion of the GM-CSF immunoreactive cells displays a specific distribution pattern in
that they are concentrated in the lining and sublining layers of the interfacial membranes. This
suggests that the macrophages which are recruited in response to the wear debris exhibit constitutive expression of GM-CSF that is required for their activation and for enhanced phagocytic
capacity. The constitutive expression of GM-CSF, which occurs in the in vitro cultures of
adherent, metallic debris–containing macrophages isolated from interfacial membranes, manifests a morphological transformation that is indicative of the cell’s activation status (Fig. 21).
It is highly likely that these early recruited phagocytes are derived from cells of the local
microenvironment of the bone and bone marrow. An excessive production of GM-CSF in the
periprosthetic tissues plays a central role in the proliferation of macrophage subsets and the
early steps of cellular fusion at the site of the implant [233,236,299].

Figure 21 In vitro cultured metallic debris–laden adherent macrophages, isolated from the tissues at the
bone–cement interface by enzymatic digestion, manifest the constitutive expression of GM-CSF. Immunohistochemical stain with monoclonal antibody to GM-CSF (R&D Systems, UK), 400⳯.
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Macrophase colony stimulating factor, which is also referred to as CSF-1, is a lineagespecific factor that regulates the differentiation and functional capabilities of macrophages and
osteoclasts. In fact, it is a pivotal factor in osteoclastogenesis [266]. In their in vitro culture
model, which employs cells derived from arthroplasty specimens as a source of activated macrophage subsets and human trabecular bone–derived cells as a source of precursor cells, Neale et
al. have confirmed the capacity of the former to transform into bone-resorbing giant cells in the
absence of 1,25-dihydroxyvitamin D3. The high level of M-CSF release during the cellular
fusion and transformation implicates this factor in promoting osteoclastogenesis at the sites of
augmented osteolysis associated with aseptic loosening [300]. Using a similar experimental
setup, these authors have as well evaluated the differential impact of various cytokines in osteoclastogenesis. By adding neutralizing antibodies to human IL-1 or TNF-␣ to the coculture system,
formation of osteoclasts is not inhibited, whereas adding neutralizing antibodies to M-CSF or
IL-6 significantly reduces the number of osteoclasts and reduces their capacity for osteolysis
[240]. These findings highlight the particular roles of the cytokines in what happens at the
bone–implant interface.
Substantial amounts of M-CSF are produced by particle-laden macrophages residing in
all patients’ interfacial membranes, regardless of the quantity or type of the wear debris present.
Immunohistologically, there is a pronounced expression of the specific receptor for M-CSF
(CSF-1 R/c-fms) in the particle-containing macrophages of the periprosthetic tissues. In contrast,
multinucleated giant cells holding diverse implant particulates lack the expression of M-CSF
and CSF-1 R/c-fms. This down-regulated expression may be due to the internalization of the
ligand receptor following phagocytosis and the fusion process. The pattern of expression may
also suggest a requirement of M-CSF and its receptor for the genesis and differentiation of
osteoclast-like giant cells from the macrophage subsets. However, both M-CSF and CSF-1 R/
c-fms are present in detectable levels in osteoclasts and osteoclast-like cells attached to the
surfaces of bones removed from patients with aseptically loosened arthroplasties [261]. The
requirement of M-CSF and CSF-1 R/c-fms for the bone-resorptive activity of osteoclasts is well
established [301]. Bone resorption can only occur when osteoclasts are in close proximity and
physically attached to a bone surface. Hence, it appears that the osteoclasts or their counterparts
acquire the capacity of expression and synthesis of the cytokine and its receptor after their
attachment to the bone. This induction process could be mediated through recognition by distinct
cell membrane receptors of the extracellular matrix proteins of the bone.
In addition to its regulatory functions in osteoclastic osteolysis, the M-CSF has further
essential roles. By preventing apoptosis it supports the survival of the osteoclasts. Moreover,
it stimulates osteoclast chemotaxis, motility, and spreading during bone resorption. On sites
undergoing osteolysis, osteoclast activity is regulated as well by exogenous M-CSF secreted by
nearby osteoblasts. Hence, the osteoblasts modulate osteoclastic activity by coordinating the
balance between resorption and migration in the resorption pit [302].
E. Transforming Growth Factor-␣ and Epidermal Growth Factor (EGF)
Important aspects of prosthetic failure are a progressive capacity of particle–containing macrophages for fusion and generation of multinucleated giant cells of the osteoclast type. The striking
subsistence of these cells indicates that this model of bone erosion predicts the survival and
functional activity of the MNGCs. A large number of macrophage-derived cytokines and other
mediators have been studied in association with periprosthetic osteolysis. On the other hand, the
cytokine profile of particle-induced MNGCs in the periprosthetic tissues has not been adequately
addressed in the past. Transforming growth factor-␣, epidermal growth factor (EGF), and their
common receptor (EGF-R) have been the subject of several studies in recent years [261,303].
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The TGF-␣ and EGF belong to a diverse group of polypeptide growth factors which are
involved in the regulation of morphological transformation and modulation of cell division in
normal and neoplastic tissues. Their 40% homology is especially pronounced within the receptorbinding domain [304,305]. The high-affinity binding of TGF-␣ or of EGF to EGF-R leads to
phosphorylation of the intrinsic tyrosine kinase located in the cytoplasmic domain of the receptor,
triggering a cascade of intracellular events and internalization of the receptor and ligand [306].
The binding of the factors is linked to various cellular responses, which include intercellular
adhesion, generation of mitogenic signals, and abnormal cellular transformation in response to
chemicals [307,308]. Both cytokines exhibit functional similarities, particularly as to their impact
in promoting osteoclastic bone resorption. They induce osteopenia by enhancing the proliferation
and fusion of progenitors, leading to an increased number of osteoclasts, or by their inhibitory
action on collagen synthesis and osteoblasts’ alkaline phosphatase activity [309–311]. The
expression of TGF-␣ and EGF in the periprosthetic tissue hints at the dual role they play in
aseptic loosening through promoting osteolytic processes and, at the same time, disrupting the
reparative and remodeling processes at the site of implantation.
Studies characterizing expression and tissue distribution have evidenced the constitutive
and predominant expression of TGF-␣ by multinucleated giant cells in the periprosthetic tissues
of all cases of aseptic loosening. In fact, they highlight a distinct cytokine profile of the MNGCs.
The preponderant expression of cell membrane TGF-␣ and the lack of expression of the EGFR on the MNGCs imply that the detected TGF-␣ is not bound to the receptor but is produced
by these cells. Further-more, the prominent and high level of TGF-␣ expression by particleinduced giant cells at the bone–implant interface, which is accompanied by complete absence
of EGF expression on these cells, indicates that TGF-␣ is the principal and dominating factor
in this model of osteolytic processes near orthopedic implants. Its role in periprosthetic bone
erosion is corroborated by the powerful correlation in the frequency, antigenic phenotype, and
high level of production of this cytokine by the MNGCs, as also by these cells’ counterparts in
giant cell tumors and malignant bone neoplasms characterized by progressive bone resorption.
Ingestion of wear debris, be it polymeric or metallic in nature, by mononucleated and multinucleated phagocytes appears to initiate the production and immobilization of the membrane-anchored
TGF-␣, which is vital for its autocrine and paracrine functions. Phagocytosis of the particles
also contributes to the elevated and constitutive expression of the TGF-␣ (Fig. 22) and EGF-R
(Fig. 23) by the macrophages, while the production of EGF is rather restricted to fibroblasts and
types A and B synoviocyte-like cells of the lining layer of the interfacial membrane [261,303].
In view of the key role of TGF-␣ in osteoclast generation and differentiation [310–312],
this cytokine’s binding to the EGF-R on the adjacent cells could provide a form of cell–cell
adhesion between macrophages and MNGCs, which is pivotal for the genesis of the boneresorbing giant cells at the implant–bone interface. The binding may also activate the EGF-R,
causing juxtacrine stimulation and a prolonged response, relative to that stimulated by the secreted growth factor.
F. Osteoprotegerin and Osteoprotegerin Ligand
Among recently identified cytokines is the osteoprotegerin ligand (OPGL), a polypeptide ligand
which binds the receptor osteoprotegerin (OPG). The osteoprotegerin molecule, also known as
TNFRSF11B or RANK (receptor activator of NF-kappa B) is a naturally occurring secreted
protein with homology to the TNF-receptor family. It is widely known for its inhibitory effect
on osteoclastogenesis and associated bone resorption suggesting a pivotal role in neutralizing
or inhibiting pathological osteoclastic bone resorption. This effect is accomplished through the
binding to the specific ligand osteoprotegerin ligand (OPGL) [313]. The osteoprotegerin ligand
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Figure 22 Constitutive expression of TGF-␣ by monokaryonic and polykaryonic macrophages in an
interfacial membrane of a cemented cobalt–chrome alloy–based femoral stem of a failed total hip
arthroplasty. Immunohistochemical stain with monoclonal antibody (Ab-2) to TGF-␣ (Calbiochem-Novabiochem, UK), 300⳯.

Figure 23 Constitutive expression of EGF-R by all macrophage subsets in the periprosthetic tissue of
the femoral component of a failed cemented total knee joint replacement. Immunohistochemical stain with
monoclonal antibody (Ab-1) to the EGF-receptor (Calbiochem-Novabiochem, UK), 320⳯.
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is a member of the TNF family of cytokines that exists in transmembrane (cell membrane-bound)
as well as solouble (cleaved) form. By binding to osteoclast lineage–committed hematopoietic
progenitor cells, OPGL stimulates the rapid induction of genes that typify osteoclastogenesis in
the presence of M-CSF. Both in vitro and in vivo, OPGL activates osteoclasts, leading to enhanced bone resorption. Thus, OPGL exerts a dual function in differentiation and activation of
the osteoclasts. Its unique capacity to modulate osteoclastic bone resorption is based on its
ability to amply perform in the absence of both vitamin D3 and osteoblasts or stromal cells,
both of which are otherwise essential for the formation and activation of the osteoclasts [314].
It has been repeatedly pointed out that the macrophages accumulating in the interfacial
membrane contribute to periprosthetic osteolysis after their activation by the ingested wear
particles. The results of a series in vitro culture models have disclosed that peripheral blood
monocytes, tissular histiocytes, and wear particle–laden macrophages isolated from periprosthetic tissues of loose prostheses and also their counterparts harvested from metallic or polymeric
particle–induced subcutaneous granulomas of experimental animals can transform into boneresorbing MNGCs. It has again been demonstrated in these systems that coculture with osteoblasts in the presence of vitamin D3 is imperative for osteoclastogenesis to occur [300,315,316].
In parallel cultures employing cells stemming from interfacial membranes of failed arthroplasties,
the addition of exogenous M-CSF is not essential for the differentiation of macrophages to
osteoclasts. It is argued that macrophages replete in periprosthetic tissues ab initio produce MCSF in excessive amounts. However, the presence of an additional potent mediator of osteoclast
formation, say, OPGL, may also explain the observation [317].
To delineate macrophage-to-osteoclast kinships, Itonaga et al. have cultured macrophages
retrieved from the bone–implant interfaces of loosened implants on glass coverslips or dentine
slices in the presence or absence of OPGL. Their findings highlight a selective dependence of
the macrophages on this cytokine during the differentiation to osteoclasts. It seems certain by
now that OPGL substitutes for osteoblasts and vitamin D3 in this differential process. A significant fraction of the macrophage-like cells of the periprosthetic inflammatory infiltrates constitute
OPGL-dependent mononuclear precursors of osteoclasts which, conditionally, acquire the TRAP
and vitronectin receptor–positive phenotype as well as the functional capacity for lacunar bone
resorption [318]. Analogous relationships existent in rheumatoid arthritis complement our notions, as discussed heretofore: the macrophages of the patient’s inflamed joint capsules manifest
the same OPGL dependence of osteoclastogenesis, accentuating the regulatory effects of Tlymphocytes, B-lymphocytes, and dendritic cells of the rheumatoid synovium in the induction
of OPGL expression and the associated osteolysis [319]. To cap the climax, exposure of macrophages to orthopedic wear particles stimulates the synthesis of mRNA for both OPGL and
OPGL-R in in vitro cultures [320].
G. Mast Cells at the Bone-Implant Interface
Whereas the mono- and polykaryonic macrophagic, osteoclastic, osteoblastic, as well as T-celled
and B-celled lymphocytic responses to alloplastic breakdown products have been extensively
assessed and described, the presence of variable numbers of mast cells in tissues nearby implants
has only recently been recognized. In this context, evaluation of the phenotypic characteristics
and the functional role of mast cells in the immune reaction to implant’s particulates merits
consideration in view of the known contributory effects of mast cells in inflammatory, fibrotic,
and vascular disorders. Solovieva et al. have applied monoclonal antibodies (specific for mast
cell proteases) to quantify the tryptase- and chymase-labeled cells in the interfacial membranes
and pseudocapsules obtained at revision operations. Their studies disclose no increased numbers
of mast cells in the interfacial membranes when compared to their numbers in the synovial
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tissues of normal knees. Their distribution is quantitatively similar in the interfacial membranes
of loose cemented and noncemented arthroplasties. In contrast, the rate of degranulation of the
mast cells is higher in the periprosthetic tissues of loose components than in the control tissues.
The localization pattern of the mast cells within well-vascularized, inflamed areas rich in macrophages, fibroblasts, and vascular endothelial cells favors a role of the mast cells in the complex
interactive processes involving these cells [321].
Results of recent experimentation imply a pivotal role of the mast cells in the early cellular
events that trigger biomaterial particle–mediated inflammatory responses [322,323]. In mice,
mast cells abound nearby polyethylene terephthalate (PET) disks implanted intraperitoneally or
subcutaneously. With degranulation of the mast cells, the released histamine enhances leukocytic
recruitment, explaining, at least partly, the acute inflammatory cell infiltration of the operation
sites. This reasoning is amended by demonstrating the activation of mast cells shortly after their
contact with biomaterial surfaces and the abruptly ensuing release of histamine and other mediators of mast cell granules. This early acute reaction triggers, in turn, an elevated expression of
vascular endothelial adhesion molecules and an enhanced transmigration of phagocytic cells
from the blood vessel lumens into the interstitial matrix through the endothelial barrier. A
combination of biochemical and cellular mediators appears to participate in the prominent macrophagic infiltration of the tissues, cell–cell attachment, and, finally, fusion to form the foreign
body giant cells at the implant’s surfaces. Among these mediators are the chemotactic cytokines
(the so-called chemokines), that is macrophage inflammatory protein-1␣ (MIP-1␣) and monocyte
chemoattractant protein-1 (MCP-1). In addition, the expression of cell membrane integrins is
required. Expression of the CD11b/CD18 is essential for macrophage’s optimized functional
capacities and recognition of implant surfaces. This recognition process depends on the chemical
nature of the foreign surfaces, as evidenced, for example, by maximizing adherence of phagocytes to implanted biomaterials through coating their surfaces with fibrinogen [324]. The impact
of protein coating of surfaces on the adherence and subsequent cellular reactivities has also
been described in relation to the prolonged secretory responses of neutrophils. Adherence of
neutrophils to polystyrene surfaces coated with serum, laminin, vitronectin, or fibronectin
prompts a massive respiratory burst and the release of reactive oxygen intermediates, such as
H2O2, in response to TNF-␣, when compared to suspended neutrophils in cultures, which are
unreactive to TNF-␣ [325]. The observations suggest that cells that attach to a nonbiological
surface respond through specific interactions mediated by cell membrane receptors, leading to
assembly of the cytoskeletal microfilaments as well as to the associated cell spreading, intracellular signaling, and initiation of the release of biological mediators.
The bone marrow–derived, multifunctional mast cells participate in the defence mechanisms of the body. They exert their effects by releasing multitudinous cytokines and chemokines,
including vasoactive and proinflammatory factors, following their activation with antigens,
chemicals, or IgE-dependent factors [326,327]. Mast cells in the interfacial membranes must
first come into direct contact with polymeric or metallic particles prior to releasing substantial
amounts of phospholipase A2 (as also holds true for a subset of macrophages). Contact with the
foreign bodies leads to the mast cell’s activation as well as selective and dominating expression of
IL-4 and interleukin-5 (IL-5). Phospholipase A2 is a family of esterases that hydrolyze membrane
glycerophospholipids, bringing about the release of free arachidonic acid from membrane phospholipids as well as synthesis of diverse mediators of inflammation, including prostanoids,
leukotrienes, and platelet activating factor. By immunolocalization, the expression of phospholipase A2 is ascribed to a majority of the mast cells in the periprosthetic tissues of failed prostheses.
This finding speaks of the capacity of the particles to stimulate the mast cells to produce phospholipase A2, which is an IgE-independent mode of the inflammatory response. The studies also
bear witness to the potential source of IL-4 and IL-5 in the mast cells, a consistent profile
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existing in relation to metallic debris, cement particles, and fragments of bone (Fig. 24). In its
capacity as a regulatory factor, IL-4 controls the growth and differentiation of several hematopoietic cells, including helper T-lymphocytes, B-lymphocytes, and mast cells. Additionally, it has
recently been implicated as an inducer of macrophage fusion in that it directs foreign body
giant cell formation [244]. Interestingly, the numbers of IL-4–positive mast cells are markedly
increased in interfacial membranes in which the giant cells dominate the macrophagic infiltrates,
predicting a role of IL-4 in promoting fusion of the monokaryonic to the polykaryonic macrophages [323]. Notable are the extracellular sites of immunoreactive tryptase and chymase adjacent to deposits of wear debris. In association with the many IL-4–positive mast cells present
at these locales, it suggests that exocytosis of the mast cells (degranulation) is taking place
within the periprosthetic tissues (Fig. 25). An increase of IL-4–positive mast cells in the absence
or paucity of giant cells in the interfacial membranes removed at revision operations implies
that bone erosion may antedate an emerging foreign body granulomatous reaction. In that they
participate in the inflammatory reactions to polymeric (be it of polyethylene or PMMA provenance) and metallic detritus, the activated mast cells constitute the potential candidates in the
mediation, augmentation, or both of the bone erosion leading to aseptic loosening of the artificial
joints. In addition, interleukin-5 is as well expressed by many mast cells within the inflammatory
infiltrate at the surface of the cement mantle (Fig. 26). The role of the mast cells in the processes
involved in early osteolysis at implantation sites finds some support in the link between the
markedly increased number of mast cells and pathological bone resorption in disease states such
as osteopenia in patients with mastocytosis [328], rheumatoid arthritis [329], and postmenopausal
osteoporosis [330].
Having reviewed the immunohistological modes of the tissular distribution of the diverse
constituents in the periprosthetic tissues, it is of interest to relate these patterns with the widely
spread monokaryonic and polykaryonic macrophages that are immunoreactive for interleukin-

Figure 24 Mast cells constituting a relatively large proportion of the inflammatory cell population at a
locale at which polymethylmethacrylate (stars) and metallic particles (arrows) have been deposited in the
interfacial membrane of a failed total hip arthroplasty. Cryostat section of operation specimen immunostained with monoclonal antibody to chymase (Chemicon International), 260⳯.
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Figure 25 Numerous mast cells make up part of the inflammatory infiltrate, in the absence of polykaryonic
macrophages or other giant cell types, at this segment of the periprosthetic tissue at the bone–implant
interface of a failed artificial hip joint. Cryostat section of operation specimen immunostained with monoclonal antibody to chymase (Chemicon International), 200⳯.

Figure 26 Mast cells expressing interleukin-5 (arrows), among the other types of inflammatory cells in
the interfacial membrane, facing the cement of an aseptically loosened acetabular socket of a total hip
arthroplasty. Immunohistochemical stain with monoclonal antibody to IL-5 (R&D Systems, UK), 300⳯.
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1. Furthermore, while immunostained cells often reveal cytoplasmic positivity, the cells of the
monocyte–macrophage lineage display an exquisite membranous coloring (Fig. 27), expressing
a localization of the IL-1 in the cell membranes.

IV. CONCLUDING REMARKS
Replacement of a painful and disabling hip or knee joint with an up-to-date model of cemented
artificial articulation deserves its reputation of alleviating most patients1 complaints for many
years. The sometime noted pessimism with respect to cemented arthroplasties in young patients
is out of place. In a cohort of patients who were 13 to 50 years old at the time of cemented
total hip arthroplasties, 5.7 and 2.5% of the acetabular sockets and femoral stems, respectively,
were found to be loose at an average of 10 years after surgery [331]. At the 25th postoperative
year, ⬃85% of individuals with a Charnley total hip replacement are still gratified with the
function of their original prosthesis. Taking age at operation into account, survivorship of Charnley artificial hip joints at the 25-year follow-up drops to ⬃70%, but climbs to 100% when the
joint replacements are carried out in patients younger than 40 years and older than 80 years,
respectively [332]. The long-term results of newly fashioned prostheses, biomaterials, or fixation
techniques have to more than measure up with these outcomes to justify their clinical introduction. In addition to patient’s specifics — age, gender, and underlying disease — and biomechanical and imaging data [333], knowledge of the morphological and immunohistological scene at
the bone–implant interfaces is essential to accomplish comparative analyses of cementless versus
cement-fixation systems.

Figure 27 High level of expression of interleukin-1, in a membranous pattern, by all monokaryonic and
polykaryonic macrophages (arrows), associated with metallic wear particles, in the interfacial membrane
of a loose, cemented femoral stem of a total hip arthroplasty. Immunohistochemical stain with monoclonal
antibody to IL-1 (R&D Systems, UK), 400⳯.
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Many problems troubling the pioneers were resolved since the early days of joint replacements, yet wear debris–driven macrophagic activation with its attendant increased osteolysis
still plagues patients with artificial joints. It has recently been ascertained that it is not the
volume of wear debris by itself that opposes a long-term satisfactory function of artificial joints,
but rather the volume of wear particles which are in the 0.2- to 0.8-mm size range, i.e., within
the span of biologically active dimensions [334]. It has been claimed that 0.1-mm- to 1.0mm-sized debris released from the polymer brushes during intramedullary wiping contribute to
osteolysis [335]. It is not easy to visualize how small amounts of polymeric particles generated
at a one-time event add significantly to the reactions in response to the enormous quantities of
prosthetic debris accumulating during many years of service.
A quandary, addressed by many but not answered to the satisfaction of all eminent investigators, is the dilemma of what makes a prosthesis run. Maybe all the characteristics of a prosthesis
and its host have to be tiptop in order for implants to perform as anticipated by the planners at
the time the components have been on the drawing board. Implants may be ab initio flawed as
far as the biomechanical or biochemical properties are concerned. Cases in point are the mismatched size and angle of a femoral head and taper lock [77] and Teflon-based acetabular
sockets of total hip arthroplasties. Orthopedic surgeon’s skilful execution of the implantation is
likewise crucial for a gratifying outcome. Failure at the cement–stem or cement–bone interface
may ensue in the wake of excessive relative micromovements. The latter are minimal around
titanium alloy–based femoral stems fixated by 3- to 4-mm-thick cement mantles, but the micromovements increase when the cement mantle is thicker than 4 or thinner than 2 mm [336].
In addition to the responses to the wear debris, differences in the osteogenic potential of
the bone surrounding the prosthesis could be attributed to various host-related factors as well
as material properties. Understanding the responses of the microenvironment to the synthetic
materials will assist in modulating the processes involved in periprosthetic osteolysis, which
could reduce at least some of the current problems of implant loosening. Both experimental and
clinical research invests many resources to develop compounds which delay or eliminate the
inflammatory reactions to orthopedic wear debris so as to promote osteogenesis. Practitioners
look forward to a time when they will pharmaceutically support bone ongrowth and ingrowth
such that the utility of artificial joints will outlive the host’s lifespan.
Unravelling the profile of cytokines and receptors produced by cells resident in the tissues
nearby artificial joints, whether cemented or otherwise, is essential for a better understanding
and characterization of the processes underlying prosthetic failure. There is no doubt that aseptic
loosening of the alloplastic components is contingent on activities which are strictly determined
by the binding of cytokines to their specific membrane receptors. The synopsized, current knowledge may, first, serve researchers as a baseline with which to compare findings acquired by
study of interfacial membranes of cementless arthroplasties and, second, furnish pharmaceutically oriented research on preventing periprosthetic osteolysis by locally or systemically dispensed drugs which intervene in the chain of events kicked off by the synthesis and secretion
of signaling proteins upon confrontation of cells of the body’s defence mechanisms with foreign
materials.
During the past few years tremendous progress has been achieved in the understanding
of the role of mediators, including cytokines, growth factors, and their receptors, in the inflammatory granulomatous process at the bone–implant interface of failed prosthetic joints. Their level
of expression and cellular sources is awaiting correlation with the diverse cell types of the body’s
defence mechanism present at the bone–implant interface and with the observed variations in
the type, amount, and particle size of the prosthetic wear debris.
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mediated by binding of membrane-anchored transforming growth factor-␣ to epidermal growth
factor receptors promotes cell proliferation. Proc. Natl. Acad. Sci 1990; 87:3289–3293.
309. Raisz LG, Simmons HA, Sandberg AL, Canalis E. Direct stimulation of bone resorption by epidermal
growth factor. Endocrinol 1980; 107:270–273.
310. Stern PH, Krieger N, Nissenson RA, Williams RD, Winkler ME, Derynch R, Strewler GJ. Human
transforming growth factor-alpha stimulates bone resorption in vitro. J. Clin. Invest 1985; 76:
2016–2019.
311. Ibbotson KJ, Harrod J, Gowen M, D’Souza S, Smith DD, Winkler ME, Derynck R, Mundy GR.
Human recombinant transforming growth factor-a stimulates bone resorption and inhibits formation
in vitro. Proc. Natl. Acad. Sci 1986; 83:2228–2232.
312. Takahashi N, MacDonald BR, Hon J, Winkler ME, Derynck R, Mundy GR, Roodman GD. Recombinant human transforming growth factor-alpha stimulates the formation of osteoclast-like cells in
long-term human marrow cultures. J. Clin. Invest 1986; 78:894–898.
313. Simonet WS, Lacey DL, Dunstan CR, Kelly M, Chang MS, Luthy R, Nguyen HQ, Wooden S,
Bennett L. Osteoprotegerin: a novel secreted protein involved in the regulation of bone density.
Cell 1997; 89:309–319.
314. Lacey DL, Timms E, Tan H-L, Kelley MJ, Dunstan CR, Burgess T, Elliott R, Colombero A,
Elliott G, Scully S. Osteoprotegerin ligand is a cytokine that regulates osteoclast differentiation and
activation. Cell 1989; 93:165–176.
315. Quinn JMW, Joiner C, Triffitt JT, Athanasou NA. PMMA induced inflammatory macrophages
resorb bone. J. Bone Joint Surg 1992; 74B:652–658.
316. Quinn JMW, Sabokbar A, Athanasou NA. Cells of the mono-nuclear phagocyte series differentiate
into osteoclastic lacunar bone resorbing cells. J. Pathol 1996; 179:106–111.
317. Sabokbar A, Fujikawa Y, Neale S, Murray DW, Athanasou NA. Human arthroplasty derived macrophages differentiate into osteoclastic bone resorbing cells. Ann. Rheum. Dis 1997; 56:414–420.
318. Itonaga I, Sabokbar A, Murray DW, Athanasou NA. Effect of osteoprotegerin and osteoprotegerin
ligand on osteoclast formation by arthroplasty membrane derived macrophages. Ann. Rheum. Dis
2000; 59:26–31.
319. Itonaga I, Fujikawa Y, Sabokbar A, Murray DW, Athanasou NA. Rheumatoid arthritis synovial
macrophage-osteoclast differentiation is osteoprotegerin ligand-dependent. J. Pathol 2000; 192:
97–104.
320. Haynes DR, Potter AR, Atkins GJ, Findlay DM, Crotti T, Howie DW. Metal particles stimulate
expression of regulators of osteoclast development including osteoclast differentiation factor
(RANKL/TRANCE), osteoprotegerin and M-CSF. 45th Annual Meeting of the Orthopaedic Research Society. Trans. Orthop. Res. Soc 1999; 24.
321. Solovieva SA, Ceponis A, Konttinen YT, Takagi M, Suda A, Eklund K, Sorsa T, Santavirta S.
Mast cells in loosening of totally replaced hips. Clin. Orthop 1996; 322:158–165.
322. Tang L, Jennings TA, Eaton JW. Mast cells mediate acute inflammatory responses to implanted
biomaterial. Proc. Natl. Acad. Sci 1998; 95:8841–8846.
323. Al-Saffar N, Iwaki H, Revell PA. Direct activation of mast cells by prosthetic biomaterial particles.
J. Mater. Sci.: Mater. Med 1998; 9:849–853.
324. Tang L, Ugarova TP, Plow EF, Eaton JW. Molecular determinants of acute inflammatory responses
to biomaterials. J. Clin. Invest 1996; 97:1329–1334.
325. Nathan CF. Neutrophil activation on biological surfaces. Massive secretion of hydrogen peroxide
in response to products of macrophages and lymphocytes. J. Clin. Invest 1987; 80:1550–1560.
326. Baghestanian M, Hofbauer R, Kiener HP, Bankl HC, Wimazal F, Willheim M, Scheiner O, Fureder
W, Muller MR, Bevec D, Lechner K, Valent P. The c-kit ligand stem cell factor and anti-IgE
promote expression of monocyte chemoattractant protein-1 in human lung mast cells. Blood 1997;
90:4438–4449.
327. Al-Saffar N, Revell PA. Demonstration of phospholipase A2 (PLA-2) production by mast cell
provides insight into mast cell regulation of inflammatory joint disease. J. Pathol 1997; 181(Suppl):
S12A.

366

Al-Saffar and Boss

328. Graves L, Stechschulte DJ, Morris DC, Lukert BP. Inhibition of mediator release in systemic
mastocytosis is associated with reversal of bone changes. J. Bone Miner. Res 1990; 5:1113–1119.
329. Crisp AJ, Chapman CM, Kirkham SE, Schiller AL, Krane SM. Articular mastocytosis in rheumatoid
arthritis. Arthritis Rheum 1984; 27:845–851.
330. Fallon MD, Whyte MP, Craige RB, Teitelbaum SL. Mast-cell proliferation in postmenopausal
osteoporosis. Calcif. Tissue Int 1983; 35:29–31.
331. Wroblewski BM, Siney PD. Charnley low-friction arthroplasty in the young patient. Clin. Orthop
1992; 285:45–47.
332. Berry DJ, Harmsen WS, Cabanela ME, Morrey BF. Twenty-five-year survivorship of two thousand
consecutive primary Charnley total hip replacements. J. Bone Joint Surg 2002; 84A:171–177.
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I. INTRODUCTION
Spine surgery has become more aggressive and technically demanding due to the development
of methods for procedures such as extensive resection of tumors and reconstruction of disrupted
spines. Consequently, various stabilization instruments and biomaterials for replacing spine
structures have been developed; a prototype vertebral prosthesis for replacing destroyed vertebral
bodies is a typical example of the latter. An increasing number of patients are seeking palliative
treatment for severe pain due to skeletal cancer metastases and spine destruction. Since the
1960s, the quest for immediate pain relief and early return to normal daily life has led to the
design of vertebral prostheses that can bear heavy weight, bending, and torsional strain while
remaining firmly anchored to adjacent unaffected vertebral bodies with bone cement (polymethylmethacrylate). To protect the spinal cord from heat injury during polymerization of bone
cement, metal prostheses have been replaced with alumina ceramic prostheses.
Ceramic lamina prostheses were originally designed to replace lamina structures after
extensive laminectomy, which is indicated when intraspinal tumors, widespread tumorous conditions, or degenerative spinal lesions expand over multiple segments and compromise the spinal
cord. Curiously, degenerative spinal lesions occur more frequently in Japan than in other countries. Ossification of the posterior longitudinal ligament (mostly in the cervical region) or the
yellow ligament (mostly in the thoraco-lumbar transition) is an example of degenerative spinal
lesions; such disorders have been extensively studied, and therapeutic measures have been developed to treat them. Degenerative conditions of the spine, such as spondylosis, often require
surgical intervention when patients have multisegmental lesions combined with a narrow spinal
canal. For treatment of compression myelopathy in cervical or thoracic segments, extensive
laminectomy or a newly devised method of laminoplasty is commonly performed in Japan.
Consequently, various types of ceramic lamina prostheses have been developed there.
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II. BONE SUBSTITUTE FOR INTERBODY FUSION OF SPINE
A. Drawbacks of Autograft and Allograft
Interbody fusion is a universal spinal technique performed at cervical, thoracic and lumbar levels.
Disc excision with arthrodesis is indicated when disc herniation, spondylosis, or ossification of
a posterior longitudinal ligament compromises the spinal cord and/or nerve roots. Although
autogenous bone has been widely used as graft material, because it is the material that most
readily fuses to host bone, reported morbidity rates from use of autografts are as high as 21%
[1]. Complications include graft fracture, extrusion, collapse, and pseudoarthrosis. Reported
rates of collapse of cervical spine grafts and subsequent nonunion range from 0 to 26% [2].
Graft bone harvested from the iliac crest is often too weak to bear the axial load of the spine,
especially in patients with generalized disease such as osteoporosis or rheumatoid arthritis.
Allografts are strong enough to bear axial loading, but they have only limited osteogenic potential. Zdeblick and Ducker found that, in single-level fusions of cervical spine, there was little
difference in radiographic or clinical results between autografts and freeze-dried allografts;
however, in two-level fusions, radiographic results were markedly better for autografts [3].
Occult infection of an allograft may predispose a patient to pseudoarthrosis. Also, allografts are
not readily available in some parts of the world.

B. Complications of Donor Sites
Complications of donor sites are not uncommon. Whitecloud reported a 20% complication rate
at the donor site [4]. In 10% of patients who undergo bone harvesting from the anterior iliac
crest, injury to the lateral femoral cutaneous nerve occurs due to normal anatomical variation
of the nerve. Injury to the lateral femoral cutaneous nerve results in persistent painful dysesthesia
along the anterolateral thigh. Complications such as hematoma and infection of the iliac crest
have also been reported.

C. What Is the Best Ceramic for Interbody Fusion?
All the above complications of donor sites can be avoided by using hydroxyapatite ceramics
instead of autografts. Hydroxyapatite (HA) ceramics are chemically identical to the inorganic
component of bone and have been shown to be optimally biocompatible, nontoxic, nonantigenic,
and osteotropic. The strength of hydroxyapatite ceramics against heavy loading is related to their
degree of porosity: the greater the porosity, the weaker the ceramic. In contrast, osteoconduction
increases with increasing porosity. Many researchers have sought the optimal combination of
strength and porosity of HA for use as a bone substitute in interbody fusion. Optimal pore size
for in vivo osteoconduction ranges from 150 to 500 m [5,6].
Thalgott et al. reported the outcome of spinal fusion with coralline HA in 26 patients. All
patients attained solid fusion, and there was no evidence of nonunion at the final follow-up.
The three-dimensional structure of the HA they used was similar to that of cortical bone. In
radiographic analysis, they found two distinct patterns of incorporation: ‘‘loss of lucency’’ and
‘‘diffuse amalgamation’’ [7]. However, compared to coralline HA made from sea coral, HA
synthesized from limestone is superior in that it has fewer contaminants and therefore can be
formed into larger implants with uniform structure. Below, we discuss our newly developed
sintered HA ceramics, which have outstanding osteoconductivity.
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III. CERAMIC SPACER FOR CERVICAL LAMINOPLASTY
A. Autograft as a Spacer
Laminoplasty is the gold standard for treatment of multisegmental compression of the spinal
cord, especially in patients with a developmentally narrow spinal canal. In laminoplasty, the
laminae are elevated like a door to expand the spinal canal and decompress the spinal cord (Fig.
1), whereas laminae are completely removed in laminectomy. Unlike laminectomy, laminoplasty
can prevent undesired postoperative kyphosis or epidural membrane formation, which could
compromise neurological status. Laminoplasty can be roughly classified into two procedures:
the unilateral hinge (open-door) method and the bilateral hinge (mid-sagittal splitting) method.
In both procedures, elevation of laminae should be maintained in situ to avoid reclosure and
concomitant encroachment on the cord. Some surgeons ligate laminae to the capsule of facet
joints on the hinged side, and others put spacers between elevated laminae and lateral masses.
Autografts from resected spinous processes are generally used for spacers. However, some
patients have small spinous processes from C3 to C7, an area routinely exposed in laminoplasty.
Also, it is often complicated and time consuming to mold a resected spinous process so that it
effectively anchors at the opened space. Graft harvesting from the iliac crest is rather difficult,
partly due to the necessity of a second skin incision on the lower back. Furthermore, if the
hinged side gutter is improperly constructed, the autograft could be absorbed by pressure from
the lamina or spinous process.
B. Clinical Application of Ceramic Spacers
Hase et al. developed a ceramic spacer for bilateral open laminoplasty. Their spacer has two
legs on each side which grip a thin lamina between them. Their postoperative CT scans showed
no displacement of elevated laminae or spacers [8]. Nakano et al. used a unique, trapezoidshaped, ceramic spacer for spinous process–splitting laminoplasty in a dog. In histological
examinations, they found bone ingrowth into the ceramic spacer, but the ingrowth was insufficient to attain permanent bonding to the recipient site [9]. However, some authors caution against
excessive use of HA spacers. Hoshi et al. measured the length of the spinous process after
expansive laminoplasty using autogenous bone and a HA spacer. They observed shortening of
the spinous process in 80% of their HA group and 9% of their autograft group. They concluded
that shortening of the spinous process may affect the function of the nuchal muscles attached
to it, and that the nature of the initial contact between the HA spacer and the bone is a factor
in shortening of the spinous process [10].
C. Incorporation of Ceramic Spacer
Tsuzuki et al. used CT to examine incorporation of HA spacers implanted during laminoplasty.
They found new bone formation in the lamina–spacer gap in about 60% of the spacers, and
incorporation progressed faster in patients with ossification of the posterior longitudinal ligament
than in patients with cervical spondylosis [11]. In contrast, there have been only a few reports
of histological examination of incorporation of ceramic lamina spacers implanted into the spine.
Kokubun et al. were able to retrieve an implanted HA spacer a year after spinous process–splitting laminoplasty. They histologically observed direct bonding of bone to the spacer in three
out of six bone–HA interfaces. However, bone ingrowth into the HA surface was not very deep,
and bone resorption was evident at the surface of spinous processes that failed to bond to a HA
spacer. They speculated that successful bonding to bone can be attained by better fixation of
the spacer to the bone [12].
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Figure 1 Ceramic spacer for cervical laminoplasty. (A) The spacer is made of an original ceramic
developed by the present authors: interconnected porous calcium hydroxyapatite (IP-CHA). The spacer
comes in three lengths: 10, 12, and 14 mm. (B) CT scan with myelography before surgery. The spinal
cord is severely constricted by the narrow spinal canal, resulting in tetraparesis of this 49-year-old patient.
(C) Lateral radiograph before surgery. (D) CT scan immediately after laminoplasty. A ceramic spacer is
inserted between elevated lamina and lateral mass. The spinal canal is fully enlarged to facilitate decompression of the spinal cord. (E) Lateral radiograph after laminoplasty. Anteroposterior canal diameter is increased with ceramic spacers from C3 to C7.
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Figure 1 Continued.

D. Better Design, Better Fixation, and Better Material
Design and fixation technique are key factors in facilitating rigid fixation of the spacer [13].
Takayasu et al. have recently reported a unique method of fixing a HA spacer with titanium
screws. In their study, pull-out strength of the HA spacer was significantly greater in the screw
fixation group than in the suture fixation group [14]. However, long-term follow-up results of
their procedure are required to determine whether there was successful bone ingrowth into the
HA spacer.
Wang et al. constructed a unique artificial lamina with a dense interior surface and porous
exterior, fabricated from biphasic calcium phosphate ceramic (70% HA, 30% tricalcium phosphate [TCP]). Their animal experiments showed degradation of the TCP phase and bone ingrowth
into the porous structure of the implant as early as 1 month after surgery. Within 1 year after
surgery, their implant had completely fused with bone [15].

IV. VERTEBRAL PROSTHESES
A. Historical Background
Cancer metastasis to the spine causes spinal cord compression, leading to severe pain and
paralysis below the lesion. Until approximately 30 years ago, spinal metastases were considered
terminal events of cancer patients, and irradiation or palliative care were the only alternatives
for their treatment. Ono, one of our colleagues, found that patients with spinal metastases were
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not a homogenous group, and that surgical intervention could improve quality of life in some
cases. Because most spinal metastases primarily affect vertebral bodies, early replacement surgery was performed using a metal vertebral prosthesis, and later was performed using a ceramic
vertebral prosthesis. There have been several reports of the surgical outcome of such cases
[16–18]. Replacement of collapsed vertebrae has been attempted using various materials, including autogenous bone grafts. However, incorporation of grafted bone is difficult because ubiquitous use of radiation to prevent local recurrence significantly affects bony union. For patients
with a short time to live, until bony fusion is complete, postoperative constraint is imposed for
several months. Bone cement is another alternative for reconstruction of collapsed vertebrae: it
is bioinert; it can be molded to the desired shape; and its solidity is not affected by irradiation.
Use of cement ensures immediate stability. However, it is not a durable material, and fatigue
fractures occasionally occur in implanted cement [19].
B. Clinical Application of a Vertebral Prosthesis Developed by the
Present Authors
In the late 1960s, we developed a novel ceramic prosthesis (Kyocera Co. Kyoto, Japan) as a
solid spacer to replace the affected vertebra. At that time, alumina ceramics were the only
available ceramics, and the bond to the adjacent vertebra was generally neither biological nor
strong if the ceramic was simply implanted in the cleaned-out space. We use bone cement to
anchor this ceramic prosthesis, which has three windows for passage of bone cement: top,
bottom, and anterior (Fig. 2).
After resection of the diseased vertebra, a hollow is made at the center of the endplate of
both adjacent vertebrae, as an anchor hole for bone cement. A ceramic prosthesis of the appropriate size is then introduced into the intervertebral space, and bone cement is packed with pressure
through the anterior window until it fills the prosthesis and then passes out into the anchor holes
of the adjacent vertebrae (Figs. 2a, b). When polymerized, the bone cement fixes the prosthesis
rigidly between the adjacent vertebrae. The prosthesis protects the spinal cord from heat injury
during polymerization of the bone cement. Biomechanical testing has shown that spinal segments
implanted with this prosthesis are sufficiently stable. From 1972 to 1993, 90 of these ceramic
prostheses were used in 84 patients with spinal metastasis, and the average follow-up period
was 26.2 months. The primary tumor was thyroid cancer in 13 patients, breast cancer in 12,
multiple myeloma in 8, renal cell cancer in 8, gastrointestinal cancer in 8, and lung cancer in
8. Pain relief was achieved in 94% of patients, motor function improved in 81%, and ambulation
recovered in 64%. There were no serious complications associated with the procedure, and the
operative benefit lasted until the terminal stage in the vast majority of patients. Because the
pores in our ceramic prosthesis do not permit bone ingrowth, there was frequent radiographic
loosening of the prosthesis with or without local recurrence of the tumor. However, loosening
of the prosthesis did not directly lead to clinical symptoms during the remaining life of the
patients, and only one out of the 84 patients required additional posterior surgery to restabilize
the prosthesis [18].
C. Other Vertebral Ceramic Prostheses
Matsui et al. developed a modular type of vertebral prosthesis reinforced by a metal plate and
screws. Like our prosthesis, their prosthesis is made of alumina ceramic (Kyocera Co. Kyoto,
Japan), but theirs has a larger trough on the anterior aspect to facilitate bone cement packing.
They reported satisfactory results with this prosthesis, including firm contact between the prosthesis and surrounding tissue on postmortem autopsy. However, metal artifacts caused by the

374

Hosono et al.

Figure 2 Ceramic vertebral prosthesis developed by the present authors. (A) The prosthesis (Kyocera
Co. Kyoto, Japan) is made of alumina ceramics. It has three windows for bone cement passage. (B) Bone
cement is packed with pressure through the anterior window until it fills the prosthesis and then passes
out into the anchor holes of the adjacent vertebrae. (C) MRI indicates collapse of the fourth cervical vertebra
due to metastasis from gastric cancer. The spinal cord is markedly shifted to the posterior. (D) The affected
vertebra was replaced with our ceramic prosthesis, and the patient’s symptoms were completely relieved.

plate and screws may interfere with detection of local recurrence on MRI or CT scans after
surgery. Although inflammatory tissue reaction was not observed histologically, a fibrous membrane formed at the bone–prosthesis interface [20].
Apatite- and wollastonite-containing glass-ceramic (A-WGC) was developed in 1982 at
Kyoto University. It is an appropriate replacement material for the vertebral body; its strength
is greater than that of HA or human cortical bones. Yamamuro et al. reported the results of
implantation of A-WGC prostheses in sheep lumbar spine. Bonding between prosthesis and
bone was observed in half the cases, and all surfaces of unbonded prostheses were covered by
an apatite layer about 60 m thick. They speculated that combining this prosthesis with rigid
internal fixation would improve its bonding rate [21]. Kaneda et al. implanted A-WGC vertebral
prostheses in 22 patients with osteoporotic vertebral collapse, and reported solid fusion in 20
of them; however, histological data were not available. They used their original instrumentation
to stabilize the implanted segment, and this may be partly responsible for their high success
rate under such unfavorable conditions [22]. Although the high osteoconductivity and high
strength of A-WGC make it an ideal bone replacement material, it is no longer commercially
available, because its deficit-ridden manufacturer has ceased producing bone substitutes.
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V. ARTIFICIAL LAMINA FOR THORACIC SPINE
A. Complications of Laminectomy in Thoracic Spine
Posterior decompression of the spinal cord, or cauda equine, is one of the most common procedures in spine surgery. Removing laminae and spinous processes allows surgeons to enlarge a
stenotic spinal canal or remove pathologies from the spinal canal. On the other hand, removal
of laminae results in loss of their protective function in the spine and may cause neurological
deterioration secondary to hematoma during late postoperative periods, especially when laminae
are aggressively resected. Postoperative neurological deterioration is one of the most devastating
complications of laminectomy. The thoracic spine has inherent kyphosis, which renders the cord
susceptible to direct pressure from paraspinal muscles in the supine position. This type of morbidity is rather rare at the cervical or lumbar spinal level.
B. Artificial Lamina Designed by the Present Authors
To protect the exposed dura, we devised an artificial lamina made of ceramics (Fig. 3). Our
original artificial lamina was made of A-WGC, and the current version is made of hydroxyapatite
with 30% porosity (Apaceram, Pentax Asahi Optical Co. Ltd., Tokyo). The aspect facing the
dura has a slight concave curvature, and small projections on each end help to anchor the ceramic
lamina between the edges of the laminectomy. The artificial lamina is tightly sutured with thread
at both ends.
C. Clinical Application of Artificial Lamina
Thirty-seven patients have undergone lamina reconstruction using our artificial lamina, which
is placed every two segments. CT scans confirmed consolidation of artificial laminae with
bone, and no neurological deterioration occurred during the follow-up periods. No surgical
complications, including dislodgement, fracture, and sinking of artificial laminae, were encountered. There were no neurological complications associated with hematoma. This implant allows
us to easily reconstruct the protective function of the lamina.

VI. THE FUTURE OF CERAMIC SPINE PROSTHESES: THE QUEST FOR
SUPERIOR OSTEOCONDUCTION
Hydroxyapatite ceramics have a long history as bone substitutes due to their chemical identity
with inorganic bone components. However, increasing the porosity of HA to promote bone
ingrowth affects the strength of this graft material. Biomaterial specialists have not yet succeeded
in finding the ideal form of HA, with the perfect balance between porosity and strength. Optimal
pore size for in vivo osteoconduction is thought to range from 150 to 500 m. However, for
promotion of bone ingrowth, interconnection of pores is a more important factor than pore size
itself. We have developed a novel sintered HA ceramic that we call interconnected porous
calcium hydroxyapatite (IP-CHA), which is fabricated by mixing two crosslinking agents using
a foam-gel technique during the production process (Fig. 1a). The foam-gel technique solidifies
the foamed slurry almost immediately, and creates a uniform spongy structure throughout the
material. We found 3-mm-deep bone ingrowth into the surface of this new HA ceramic after
implanting it into rabbit femurs, whereas Ayers et al. found a bone ingrowth depth of only 300
m after implantation of the same material in humans [23,24,25]. We believe that the HA
ceramics we have developed provide the best available osteoconduction in vivo.
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Figure 3 Artificial lamina. (A) This is an older type of artificial lamina made from apatite- and wollastonitecotaining glass-ceramic (A-WGC). It comes in four lengths: 24, 26, 28, and 30 mm. It is mainly applied at
thoracic or lumbar spine levels after laminectomy. Because A-WGC is not currently available, we used an
artificial lamina (of the same shape and sizes) that we constructed from hydroxyapatite (Apaceram, Pentax
Asahi Optical Co. Ltd., Tokyo, Japan). (B) CT scan with myelography before surgery. Ossification of yellow
ligament compresses the spinal cord in this 72-year-old female. (C) Anteroposterior radiograph after laminectomy. (D) MRI after surgery. On MRI, ceramic spacers are generally delineated as nonsignal areas without
halation artifacts, facilitating close examination of the spinal cord after surgery. (E) CT scan 4 years after
implantation of an artificial lamina. Incorporation of the ceramic is complete.
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Figure 3 Continued.
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Safety Aspects of Alumina and Zirconia
Ceramics in Hip Surgery
Günther Heimke*
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I. INTRODUCTION
In 1960 Charnley [1] opened the age of low friction arthroplasty with the introduction of polyethelene sockets in articulation with metal balls; in 1970 Boutin [2] commenced the period of low
wear arthroplasty by the application of alumina ceramic to hip surgery. This ceramic had been
recommended for reconstructive surgery after preliminary studies by Hulbert et al. [3], Kawahara
[4], and Sandhaus [5] in the late 1960s. Boutin [6] was the first to replace polyethylene sockets
and metal balls by Al2O3 ceramic components for total hip joint replacements, soon followed
by Langer [7] with partial tibia plateau inserts. Independently, Griss et al. [8] and Mittelmeier
et al. [9] initiated extensive compatibility studies which confirmed the bioinertness of this material and indicated the possibility of a marked reduction of all wear-related phenomena and a
direct, cement-free anchorage of the acetabular component if the shape of the implant accounts
for the remodeling ability under the influence of the stress and strain field created by the implant
in the adjacent bony tissue [10]. More than three million alumina ceramic components of different
designs have been inserted since, mostly as joint replacements and dental implants. The expected
wear reduction in total joint replacements [11,12] as well as the direct anchorage of alumina
ceramic dental implants [13] were widely confirmed. The cement-free anchorage of these monolithic ceramic hip sockets, however, was abandoned after about 10 years because of a too high
number of late cup migrations, and was replaced by composite sockets consisting of a metal
backing providing a stable anchorage in the pelvis and a ceramic inlay for minimizing all wearrelated problems (for a review see Ref. 14).
During the 1970s the mechanical strength of zirconia ceramics was improved considerably,
reaching a level of more than twice of that of alumina ceramics [15]. It was subsequently
considered for implant purposes [16–19], originally in particular for smaller-sized devices as
needed, e.g., for Japanese patients. Following the old rule in surgery to sacrifice not more healthy
tissue than absolutely necessary, this material was also introduced elsewhere [20–22]. During
the last decade the number of implanted zirconia ceramic devices also reached high numbers,
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on the order of magnitude of half a million. However, a recent set of recalls of zirconia ceramic
balls [23] demands additional consideration in order to avoid further damage to all concerned.

II. MATERIALS
Alumina as well as zirconia ceramic belong to the group called oxide ceramics, consisting
essentially of pure metal oxides, in contrast to all kinds of silica-based pottery like stoneware,
china, and porcelain, the so-called classical ceramics [24]. The metals concerned belong to the
least noble ones, thus they have a high binding energy on which the chemical stability and
biological compatibility of their oxides is based. Following the in vitro and in vivo studies
mentioned above and the extended clinical experience, alumina ceramic has even become the
prototype of a biologically inert material.
As the raw materials for these oxide ceramics are fine grained powders, most of the shaping
processes well established for the clay-containing classical ceramics cannot be used. Rather, the
dry powders of the metal oxides are rendered into a ‘‘green’’ body by compression, parts for
medical purposes mostly by pressing isostatically. The actual components are worked from the
green bodies by turning or grinding, accounting for the shrinking during the transformation of
the shaped powder agglomerate into a polycrystalline solid by firing. This kind of densification
by heating to between 1200 to 1500⬚C is also called sintering. During this operation the tiny
powder particles interact with each other by several diffusion processes resulting in the increase
in density and some grain growth. Since about 1980 the sintering temperatures have been chosen
somewhat below the values necessary for reaching the final density in order to confine the grain
growth, essentially to values below 2 m. The final density can be reached by hot isostatic
pressing (HIPing) nearly without any additional grain growth. The parts thus made are finished
by grinding and polishing where necessary.
A. Crystallographic Phases and Their Transformation
For alumina, the only thermodynamically stable phase below its melting temperature is the alpha
phase with the corundum crystal structure. Thus, phase changes are not an issue at all for alumina
ceramics. Rather, the grain size and grain size distribution, its homogeneity, and the density are
their main structural features [25] on which the mechanical properties rest.
In contrast to alumina ceramic, the very existence of zirconia ceramics as well as their
favorable mechanical properties completely rely on their polymorphism and even the metastability of their crystal phases. In order to understand the problems concerned, the concept of crystallographic phases and their transformations will be explained.
Different regular arrangements of identical atoms or ions (crystal lattices, phases) exist
because of differences in their energy of formation, their free energy, G. Under given thermodynamic conditions of composition, temperature, and pressure the arrangement with the lowest
free energy has the highest chance to survive. If one or even several of the conditions change,
another arrangement of the same atoms may have a lower free energy and, consequently, a
phase transition will be initiated. In other words, the driving forces for phase changes are the
differences of the free energies, ⌬G, of the phases concerned. If these differences are large,
phase transformations can be expected to occur instantaneously and completely; if they are
extremely small, they may be delayed depending on local variations of one or the other or some
of the three conditions mentioned above. The terms ‘‘large’’ and ‘‘small’’ must be seen in
relation to the thermal energy, kT (k is Boltzmann constant-1.3807 10ⳮ23 J/K; T is temperature
in K), available at the transition temperature. These differences between the phases allow stable

Safety Aspects of Ceramics in Hip Surgery

383

Figure 1 The zirconia/calcia (lime) phase diagram (ss, solid solution). (Adapted from Ref. 24.)

conditions, to be established as represented in the usual phase diagrams as functions of composition and temperature (shown in Fig. 1 for the zirconia/calcia system in a simplified version).
The presence of two phases within some regions indicates equal or nearly equal free energies
for these phases. In changing the thermodynamic conditions, the volume ratios of these phases
may change also. This simple picture is based on the assumption that the state of lowest free
energy could always be reached completely. Thus, these are equilibrium diagrams.
However, besides the actual differences of the free energies themselves ⌬G, some kind
of activation energies, ⌬G*, must be considered. This is demonstrated in Fig. 2 schematically:
if one of the thermodynamic conditions is changed, the free energy of the phases present will
change also. But this change need not be monotonically raising or falling, rather there might
be an intermediate maximum separating two adjacent phases. Thus, if the thermodynamic condition is assumed to be the temperature decreasing along the horizontal axis, phase I will be
transformed into phase II only if the thermal energy is sufficiently high, kT1 ⬎⬎ ⌬G1*, which
usually will be true at high temperatures. In reducing the temperature further, the transformation
from phase II into phase III can be delayed or even prevented because here the thermal energy
may be relatively small, kT2 ⬍ ⌬G2*. Thus, phase II will be present below its equilibrium
temperature; it will be metastable. Of course, any kind of additional energy, e.g., from compositional fluctuations or pressure applications, can trigger this phase transformation and thus change
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the structure of the material. It is, therefore, nearly impossible to establish an equilibrium phase
diagram for such a material.
This is exactly the situation in the systems of the stabilized zirconias regarding the tetragonal to monoclinic phase transitions and their relation to the cubic solid solution. Figure 3 [26]
summarizes different versions of the zirconia/yttria system; Fig. 4 [26,27] contains seven versions
of phase distributions for the zirconia-rich portion of this phase diagram. This clearly indicates
that it is nearly impossible to come close to any real equilibrium and well established phase
boundaries reliably. In contrast to the calcia and magnesia-stabilized systems, the transformation
temperature from the tetragonal to the monoclinic phase decreases relatively steeply with increasing yttria content in the zirconia/yttria system, down to about 500⬚C, thus increasing the sensitivity of this material to any compositional variation as, e.g., can be caused by surface reaction
with steam or water. Even a change in the humidity between the heat treatments of two batches
can result in slightly different precipitation. This high sensitivity to only slight variations in the
production processes are of great importance in the medical applications as we shall see below.
There are differences regarding the details of the phase distributions for the differently
stabilized materials. While the calcia-containing ceramics are excluded from medical applications because of the too high reactivity of lime, the MgO-stabilized versions were tested extensively in the 1980s, but interest was lost thereafter. This might be due to the higher firing
temperatures necessary in this system and the problems in the continuous reproduction of the
required specifications. The larger grain sizes and some unavoidable porosity may also have
contributed because of their influence on the wear and tear problems.

Figure 2 Schematic of the free energy of crystallographic phases as a function of thermodynamically
relevant conditions indicating free energy differences of different phases (⌬G1 and ⌬G2 regarding the
phase transitions I to II and II to III) and the activation energies ⌬G1* and ⌬G2*.
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Figure 3 Composition of different phase diagrams of the zirconia–yttria system indicating the problems
caused by metastable phases. (Adapted from Ref. 26.)

B. Alumina Ceramics
Alumina—or Al2O3 —ceramics, as mentioned above, solely consist of densely packed tiny
corundum crystals. This crystallographic phase is also called alpha-alumina. Corundum is crystallographically identical with ruby and sapphire, but does not contain the traces of metal ions
which render these precious stones so nicely colourful. The crystal lattice is a hexagonally close
packed arrangement of the negatively charged oxygen ions within which the Al3Ⳮ ions occupy
two-thirds of the octahedral interstitials. The melting temperature of alumina is 2050⬚C. On
cooling the melt corundum directly solidifies and maintains its structure down to room temperature. Thus, alumina ceramic is a strictly monophased material. Only if molten alumina is cooled
very fast, as happens with the droplets in flame or plasma spraying the other, can the less stable
beta-phase precipitate.
Corundum is one of the hardest materials, surpassed in nature only by diamond. Single
crystals of corundum are used, e.g., as scratch-proof glasses of wristwatches and were used in
ophthalmology as the optical cylinders in a particular type of keratoprostheses [28]. In Japan,
bone screws (for an early survey see Ref. 29), and dental implants [30] made of corundum
single crystals were used in the 1980s.
The possibility for sintering alumina ceramics was discovered in the mid-1920s. Its first
large-scale application was in spark plugs, where nearly the whole combination of properties
was used: besides the electrical resistivity being nearly equivalent to amber, good thermal con-
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Figure 4 The zirconia-rich portion of the zirconia–yttria phase diagram summarizing seven different
versions as an indication of the difficulties of establishing correct phase relations in this system. (Adapted
from Ref. 26.)

ductivity and the high mechanical strength. But soon the extremely favorable gliding and tribological properties were also employed in seals of rotating axis through walls of vessels in
chemical engineering and similar applications [31]. In sintering these alumina ceramics for
engineering applications, the grain growth and the density increase were mostly controlled by
small additions of so-called grain growth inhibitors like silica or magnesia. These materials
react with the surfaces of the corundum crystals forming thin layers of spinel preventing exaggerated grain growth. The sintering temperatures are on the order of 1300 to 1600⬚C, depending
on the grain sizes and activities of the raw material used and the desired properties. Because
of the correlation between grain size, d, and mechanical strength, ⌽— ⳱ c/兹d (with a constant
c)—the grain size and grain size distribution must be kept as small as possible for the medical
grade alumina ceramics. This necessitates a closely controlled temperature versus time cycle
during the sintering process in order to achieve the required high density without too much
grain growth, in particular avoiding the so-called exaggerated grain growth. The control of all
processes of grain growth and densification could be improved by the introduction of the additional production step of hot isostatic pressing, the so-called HIPing. It allows the choice of a
sintering temperature somewhat lower, thus keeping the grain size reliably smaller at the expense
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of reaching the final density. The ultimate densification is achieved in the HIPing process without
additional grain growth. However, there is one point of view the importance of which will
become clear in the discussion of the processes necessary to achieve the required mechanical
properties in zirconia ceramics: the production step essential for achieving the required mechanical strength of alumina ceramics is performed at temperatures well above 1300⬚C. In this temperature range the heat transfer in the furnaces or kilns is essentially by radiation; the contribution
of thermal conduction and gas flows is reduced. Thus, homogenous temperature distributions
can be relatively easily and reliably established in the furnaces concerned.
The property combinations of the different versions of alumina ceramics used in these
engineering applications were optimized for their specific purposes. For medical applications,
those developed for mechanical purposes were considered most likely suited for bone replacements and were tested in vitro and in vivo as solid pieces [8] and as powders [32]. Even their
carcinogenicity was studied [33]. The material thus selected was used for the first generations
of hip and dental implants. In spite of the fact that the first mechanical failures [34] could be
traced back nearly completely to handling deviations from the well-documented clinical standard
procedures, the design of the components and the quality of the ceramics were reevaluated using
newly available information from materials science [35]. A survey on the properties of the
medical grade alumina ceramics is given in Table 1.

C. Zirconia Ceramics
As a result of the complicated phase relations of zirconia described above, pure zirconia (ZrO2)
powders cannot be transformed into polycrystalline solids by sintering because of several phase
changes occurring on cooling from the molten state to room temperature [36]. In passing down
through the melting temperature at 2706⬚C a cubic phase is formed which changes into a tetragonal phase at 2370⬚C. On further cooling a monoclinic structure appears between 1170 and about

Table 1 Properties and Standards of the Different Generations of Medical Grade Alumina Ceramics

Property
Density
Alumina content
Impurities (sum of SiO2⫹CaO⫹Na2O)
Additives
Porosity
Microstructure (mean grain size)
Hardness
Flexural strength
Elastic modulus
Fracture toughness
a

Type A.
No values mentioned.
c
Biaxial test.
d
Four point bending test.
b

Unit
(g/cm3)
(%)
(%)
(%)
(%)
(m)
(HV)
(MPa)
(GPa)
(MPa m1/2)

First
generation(about
1974 to 1980)

Presently used
material (e.g.,
Biolox® forte)

Standard
ISO 6474,
issue 1994a

⬎3.94
⬎99.5
⬍0.1
⬍0.3

⬎3.98
⬎99.7
⬍0.05
⬍0.25
0
⬍1.8
2300
580d
⬎380
4

3.94
ⱖ99.5
ⱕ0.1
ⱕ0.3

b

⬍4.5
b

⬎250c

4.5
ⱖ250c
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950⬚C. This diffuse phase transition is associated with a volume change of up to 9%. Some data
on the phases concerned are summarized in Table 2.
If, however, some other oxides like calcia (CaO), magnesia (MgO), ceria (CeO2), or yttria
(Y2O3) are added in amounts of about 1 to 15 mol%, a cubic solid solution is formed at high
temperatures which can be partially maintained or ‘‘stabilized’’ down to room temperature. If
the amount of the stabilizing oxides is chosen correctly partially stabilized zirconia (PSZ) ceramics are possible. They consist of this cubic solid solution phase into which tetragonal and/
or monoclinic precipitates are embedded, either at grain boundaries or inside the cubic phase
grains. This was first realized for calcia additions in the late 1920s [38] and used in refractory
materials and carried on essentially by Garvie et al. [39] for mechanical engineering applications
in the early 1970s.
These PSZ ceramics can also be obtained by stabilization with yttria and magnesia. In
the yttria-stabilized system ceramics can be made with a high concentration of tiny (less than
1 m) tetragonal zirconia particles (TZP), which are metastable at room temperature [40].
The percentage of particles of this phase, however, strongly depends on their grain sizes, the
composition, and on the stresses present. Ceramics of this kind containing 3% yttria can be
sintered to full density below 1400⬚C while maintaining the required fine grain size distribution
[37].
Because of its surprisingly high oxygen ion conduction at moderately elevated temperatures (starting at about 350⬚C) and, thus, acting as a solid electrolyte, this material has also been
considered for fuel cells and oxygen partial pressure sensors [41]. A large-scale application is
the ‘‘lamda’’ oxygen sensor controlling the exhaust gases of our cars.
In mechanical engineering, the considerably improved mechanical strength and fracture
toughness of the yttria- and magnesia-stabilized materials beyond that of alumina ceramic raised
the interest in these materials for biomedical applications. This strength increase is caused by
a similar phenomenon that prevents sintering of pure zirconia into a ceramic. The precipitation
process of the tetragonal phase inside the cubic solid solution grains can be controlled to result
in finely and evenly dispersed metastable tetragonal particles under some compression, thus
preventing the transformation into the thermodynamically more stable and larger monoclinic
phase. This prestressing of the cubic matrix grains contributes to the higher flexural strength of
these materials. If, however, these same metastable precipitates are touched by the tip of a
propagating crack, they are freed from their matrix constrains and can expand and transform
into the monoclinic phase, thus absorbing much of the excessive stress and strain energy at the
tip of the crack and thereby stop it. This crack-stopping ability of the metastable precipitates is

Table 2 Some Crystallographic Details on the Phases of Pure Zirconia
Temperature range
of stability (°C)

Dimensions of
unit cell (Å)

Density
(g/cm3)

Tetragonal

2370–1170

6.10

Monoclinic

⬍1070

a ⫽ 5.094
c ⫽ 5.177
a ⫽ 5.156
b ⫽ 5.191
c ⫽ 5.304
β ⫽ 98.9°
a ⫽ 5.124

Phase

Cubic
Source: Ref. 37.

5.83

6.09
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a major contribution to the higher fracture toughness of these materials as compared to alumina
ceramics. As the well-balanced distribution of the metastable phases is the essential requirement
for the stability of this ceramic generally, its mechanical properties, and its fatigue behavior,
these materials are extremely sensitive to any variation in their raw materials, in their handling
during processing, and in their application.
Because of its attractive mechanical properties and biological compatibility, the zirconia/
yttria ceramics and in particular the TZP versions mentioned above have found widespread
attention in reconstructive surgery. Properties of this material relevant for medical applications
are given in Table 3. Of course, here too the problems of the transformation of the metastable
phases are well observed. In these applications, the stability of the material is additionally
endangered by many external influences. As the different phases present in this system do have
markedly different chemical reactivity with different temperature dependencies, in particular in
humid environments during the firing and machining process, but also during their application,
not only must all production steps be controlled extremely closely, but also their storage and
handling on the way to the consumer and in the final application. Therefore, a large number of
studies have focused on the aging behavior of these ceramics. In a recent review [42], 13
publications on the degradation of the modulus of rupture (or equivalent) under different conditions as a function of time have been summarized . In nearly all cases, with the presence of air,
water, steam, or Ringer’s or saline solutions, mostly at 37⬚C, one at 100⬚C, and another at 140⬚C,
a reduction was found after some days to up to 30 months with the exception of four cases in
Ringer’s solution at 37⬚C for 90 to 783 days. One group of authors [19] reports about strength
increases in Ringer’s solution as well as in bone marrow and subcutaneous after 6 to 12 months
for a magnesia-stabilized ceramic. This large scattering of results must be regarded as an additional indication of the importance of the phase distributions in these materials.
In the manufacturing of zirconia ceramics, the sintering and actual densification process
is separated from the precipitation processes controlling the mechanical properties by a wide
temperature gap. While the sintering temperatures are mostly well above 1350⬚C, the essential
phase transformations are activated at much lower temperatures. For the presently most-used
ceramic in bioengineering, the yttria/zirconia TZP system, the precipitation processes reach
down to the temperature range below 500⬚C for the compositions mentioned in the standards
(Table 4), according to the phase diagram presented in Fig. 4. At this temperature level, heat

Table 3 Comparison of Properties of Alumina, PSZ Ceramics, and the New AMC Ceramic
Property
Composition (%)

Density (g/cm3)
Bend strength (MPa)
Young’s molulus (GPa)
Fracture toughness (MPa m⫺1/2)
Thermal conductivity (WmK⫺1)
Hardness (HV0.1)
a

Alumina
ceramic

Mg-stabilized
Yttria-stabilized
zirconia ceramic zirconia ceramic

⬎ 99.97
alumina

91 zirconia,
9 magnesia

97 zirconia,
3 yttria

⬎3.98
580b
380
4
30
2300

5.75
450–700
200
7–15
2
1200

⬎6
900–1200
210
7–10
2
1200

AMC
ceramica
75 alumina,
rest Z ⫹ Sr,
Y,Cr oxides
4.37
1200
350
7
1800

Alumina Matrix Composite ceramic. Also called zirconia and platelet toughened alumina (ZPTA) ceramic [82].
In four point bending.
Source: Adapted from Ref. 42.
b
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Table 4 Properties of Y-TZP Ceramics for Medical Applications According to ISO 13356
Property

Value according
to standard

Density (g/cm3)

ⱖ 6.00

ZrO2 ⫹ HfO2 ⫹ Y2O3 (wt %)
Hafnia content (wt %)
Yttria content (wt %)

⬎ 99,0
ⱕ5
4.5–5.4

Contaminations (wt %)
Alumina (wt %)
Traces of radioactivity (Bq/kg)
Average grain size (m)

⬍0.5
⬍0.5
⬍200
ⱕ 0.6

Four-point bend strength (MPa)
Double ring bend strength (MPa)

ⱖ 900
ⱖ 599

Comment
Influences Young’s modulus, all
mechanically relevant properties,
corrosion resistance, wear, and tear
Influences density
Influences phase stability, density,
and mechanical properties
Reduces mechanical strength
Influences corrosion resistance
Radiation damage
Influences mechanical properties,
phase stability, wear resistance
Mechanical strength, safety aspects
As above

transfer via radiation plays a minor role only; rather thermal homogeneity is controlled by the
flow of gases and by thermal conduction. Both these processes are relatively slow, thus thermal
equilibrium will be a much more critical issue in all these annealing treatments. This applies
to chamber furnaces as well as to tunnel kilns and to electrically heated as well as to gas-fired
units.

III. THE PERFORMANCE OF ALUMINA AND ZIRCONIA CERAMICS IN
HARD TISSUE REPLACEMENT
Both these engineering ceramics, of course, share the basic difference of all ceramics as compared
to metals—the lack of ductility, or in other words both are brittle materials. Thus, both are
relatively sensitive to highly localized mechanical stress application like shocks, e.g., working
on them with iron hammers must be strictly avoided. Both materials have also been shown to
allow for a considerable reduction of all wear phenomena as compared to the metal against
polyethylene combinations [43]; however, this advantage can be used beneficially only if all
other possible causes for problems related to the specific properties of the ceramics are closely
controlled and thus kept much smaller than all other causes for reoperations.
A. Summary of Severe Clinical Problem Cases with Alumina Ceramics
For the alumina ceramic, having been introduced into surgery in the early 1970s, the introduction
or learning phase was followed in the early 1980s by the application of the second generation
materials, characterized, e.g., by the addition of the HIPing procedure mentioned above.
The standardization process for the medical grade alumina ceramic had been initiated as
early as 1976. The resulting national and international standards have been adjusted since several
times, following the progress in materials science and engineering [44]. The presently valid
specifications are mentioned in the last column of Table 1. This table also indicates that the
most reliable presently offered materials surpass the standard values in all relevant data [45].
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In addition to the first alumina ceramic implants in hip surgery consisting of monolithic
acetabular cups and femoral balls fixed to metal stems, the combination of alumina ceramic
balls with polyethylene sockets [46] contributed to a considerable reduction of all wear-related
problems. This latter step with its improvement as compared to the polyethylene against metal
combination by about a factor of at least two was a major breakthrough for the large-scale
application of ceramics in surgery. However, in order to further take advantage of the much
lower wear rates of the alumina against alumina combination already observed clinically with
the monolithic sockets [47,48] as compared to the articulation against polyethylene, modular
socket systems were introduced during the 1980s consisting of some kind of metal caging into
which a ceramic inlay is positioned as the partner for articulation with the ceramic ball [49,14].
The more than 20 years of experience with these many different designs of the two material
combinations for the articulating surfaces have fully confirmed the original expectations. Alumina ball heads in combination with polyethylene sockets do not show any signs of wear if
explanted after 10 years [50]. Now the wear rate of the polyethylene is down by a factor of 2
to 4 as compared with the articulation against metals [51]. The by far lowest wear rates can be
achieved in the sliding combination of alumina ceramic against itself [52,53].
The rates of catastrophic failures of the alumina ceramics during the early period in the
1970s have been documented early: for the group who first started using alumina ceramics in
hip arthroplasty in France, a fracture rate of 8% is reported for the period from 1970 to 1976;
for the years 1977 to 1989 the rate was 6.5%; for 1990 to 1997 it was 2.5%, and thereafter 0%
[54]. The Mannheim team (Frialit alumina ceramic) reported on a series of ceramic femoral
head fractures amounting to 6% of the 130 prostheses implanted during the first 6 years [34].
These fractures were concentrated toward the end of this period and confined to those most
recently implanted. The Mittelmeier team mentions 25 fractures out of 6862 ceramic components,
or 0.36% implanted during the period from October 1974 to December 1993 [55]. The overall
failure rate of the Biolox威 alumina balls in combination with ceramic socket components as
well as with polyethylene cups is 0.02% for up to 20 years, thus including the initial learning
phase [56]. In some more detailed data for this material having been given more recently for
the generation manufactured until 1992 the overall fracture rate was 0.026%, for the next generation from 1992 to 1995 it was 0.014%, and for the presently manufactured generation it is
0.004% [57,58]. Regarding the causes for the remaining later or more recent failures, a large—although not well defined—number of them must be attributed to influences outside ceramic
technology, e.g., to metallic cones that had been machined by unauthorized shops [59].
The failure rates mentioned above are summarized in Fig. 5. These numbers and their
distribution in time clearly indicate that the teachings of the initial or learning period of the
1970s had been well understood by all dealing with medical application of alumina ceramics.
This, of course, is not only the result of the considerable improvements made possible by progress
in materials science and in the more and more detailed understanding of the engineering problems
posed by the conical fixation of the ceramic balls on the metal stems, but also it was achieved
to a large degree by careful adjustments of the clinical procedure to the necessities of this
material. The most important parts of this wealth of experience had already been available when
the zirconia ceramics were first considered for total joint replacements.

B. Severe Clinical Problems with Zirconia Ceramics
While zirconia ceramic components had already been considered for reconstructive surgery in
the early 1980s [17,18,19] their large-scale application did not commence until toward the end
of that decade [20] with several improvements of the materials since. The introduction of the
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Figure 5 Approximate presentation of the failure rates due to fracture of alumina ceramic components
as reported in literature (see text) over time. Values essentially below 0.1% are summarized in the lower
portion.

HIPing treatment also contributed to the stability of the material, and a further step was expected
from additions of 0.15 to 0.25 wt.% alumina [60].
Of the many stabilised zirconia ceramics the Y-TZP version has recently been covered
by an ISO standard (ISO 13356). The essential specifications are listed in Table 4 together with
some comments, following a critical evaluation of this standard [61].
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When the large-scale application of zirconia ceramics in orthopedic surgery was initiated
in about 1990, it could be based on many experiences already available from more than 15 years
of use of alumina ceramics in this field. Many clinics were already familiar with the handling
of ceramic materials.
By far most of the presently used zirconia ceramics are yttria-stabilized materials (YTZP), essentially consisting of tiny (less than 1 m) grains with the metastable tetragonal crystal
structure. As mentioned above, it is this metastability that accounts for the favorable mechanical
properties as well as for the sensitivity against slight variations of the heat treatments during
production and all outside influences like changes of pressure and humidity. Therefore, the aging
behavior of these ceramics has been studied extensively (reviewed in Ref. 42). Their sensitivity
to any kind of humidity in the temperature range of about 80⬚C and above can lead to hydroxide
formations, destabilizing the tetragonal crystals and transforming them to the monoclinic modification resulting in a severe strength reduction and, as far as sliding surfaces are concerned, to
roughening [62]. This sensitivity also accounts for the recommendation to avoid steam sterilization of zirconia ceramic components [63].
Regarding the wear-related aspects, another property of zirconia ceramic must also be
taken into account: its relatively low thermal conductivity as compared to alumina ceramic (2
W/mK vs. 25 W/mK) can raise the maximal temperature in the articulating surfaces. For alumina
components temperatures of up to slightly above 42⬚C have been measured in vivo [64]. For
zirconia ceramics with its lower heat conductivity these contact temperatures have been calculated coming close to the hydroxide formation temperature [65]. A still higher temperature
was measured inside polyethylene cups articulating against zirconia ceramic balls in simulator
experiments (99⬚C), while with CoCr alloy balls 60⬚C and with alumina ceramic balls 45⬚C
were found [66]. Of course, all aspects of the wear behavior of zirconia ceramics have been
considered carefully for all possible articulating material combinations like against itself, versus
alumina ceramic and versus polyethylene [67] (for a summary, also see Ref. 42). As a result,
it has been suggested to confine the use of zirconia ceramic in total hip surgery to the combination
with polyethylene sockets [68]. However, even here some caution may be justified because of
the problems encountered with steam sterilization [69]. Quite some clinical observations justify
this caution [70].
But in spite of these considerations, Y-TZP ceramics have found wider applications in
hip surgery because of their considerably higher mechanical strength and toughness, both being
about two times higher than for alumina ceramics (see Tables 1 and 3), in particular as all burst
strength experiments of zirconia ceramic balls on metal tapers [22] point in the same direction.
Regarding in vivo fracture cases of zirconia ceramic components, a recent survey mentions
28 events of this kind out of 280,000 implanted for balls manufactured between 1987 and 1993
[71]. This gives a failure rate of exactly 0.01%. None of these balls were HIPed, most of them
not proof tested. There was no correlation of the frequency of occurrence of these fractures with
the size and type of ball design. All these balls fractured within 3 years after implantation [72].
In this paper two other reports are mentioned in which two fractures out of 189 [73] or 1.05%
in 1995 and ten others (without giving the total number implanted) [74] are reported in 1997.
In a recent note the largest European manufacturer mentions 247 fractures out of 2433 balls
produced since 1998 [75], amounting to 10.15%. In a recent warning issued by the French
Orthopaedic Society [76] a fracture rate of more than 10% is mentioned also for some newly
manufactured lots. The total number of fractures mentioned above sums up to 287 cases. As
the main manufacturer claims to have sold 480,000 balls since 1987 [72], the overall fracture
rate is 0.06%. These failure rates for zirconia ceramic heads are plotted over time in Fig. 6
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Figure 6 Approximate presentation of the failure rates due to fracture of zirconia ceramic heads reported
in literature (see text) over time. In view of the values of Refs. 75 and 76, data below 0.1% are not shown
separately.

similarly to the presentation in Fig. 5. The different frequency of fractures of zirconia and
alumina ceramic and their time dependence will be discussed below.

IV. EXPERIENCE-BASED COMPARISON OF THE SAFETY OF ALUMINA
AND ZIRCONIA CERAMICS IN HIP SURGERY
The distribution of catastrophic failures of zirconia ceramic components over time as evident
from Fig. 6 clearly lacks the higher values of the initial or learning period for the early times
of application which can be clearly seen in Fig. 5 for alumina ceramic balls. The figures for
zirconia ceramic rather increase with time. This difference becomes more striking still in view
of the fact that the original alumina ceramic implant systems covered by Refs. 34, 54, and 55
had been taken off the market in the late 1980s. Therefore, the average fracture rates mentioned
above for the last decade and valid presently of 0.004% for alumina and 0.06% (not to mention
the new 10% figure of refs. 75 and 76) for zirconia ceramic must be taken as a serious estimate
of the safety of the materials. Thus, the two materials compare by a factor of more than 10 in
favor of the medical grade alumina ceramic.
As mentioned above, when zirconia ceramic balls were introduced in the late 1980s, the
essential initial experiences had already been available from alumina ceramic components. As
one can assume that reasons for failures not directly associated with the ceramics (e.g., wrongly
machined metal cones) are evenly distributed between both these types of ceramics, the cause
for those differences must be accounted for by the differences of the two materials themselves.
This is the more important as all reports about the mechanical strength and fracture toughness
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have been in favor of the zirconia ceramics [77]. This applies not only to measurements of
original test pieces, but also to extended fatigue studies including those under humid conditions
at elevated temperatures [78].
All the recently fractured zirconia ceramic balls are made of the Y-TZP structure consisting, as mentioned above, to more than 90% of small, essentially below 1 m, metastable tetrahedral crystals. These crystals have been shown [77] to change into the monoclinic phase in the
presence of water at slightly elevated temperatures already. This kind of reaction is thought to
be the main reason for the surface roughening observed experimentally [62] and shown schematically in Fig. 7A. Here, the regions of transformed crystals are assumed to have a somewhat
shallow contour creating a relatively smooth surface undulation. However, obviously the clusters
of transformed crystals can as well assume a shape as indicated in Fig. 7B. Such a wedgeshaped cluster of transformed crystals must be regarded as a kind of a pseudocrack, even as
some kind of active crack, because of the volume expansion associated with the tetrahedral to
monoclinic phase transition in zirconia ceramics. The resulting forces and a possibly applied
outside force are indicated by arrows in Fig. 7B. It is obvious that the formation of such pseudocracks must be regarded as a contribution to the probability of failures.
But things are worse still: in front of the tip of a crack, stresses are concentrated. This
concentration of mechanical energy is, of course, available for triggering the transformation of
any metastable crystal into its thermodynamically stable phase. Thus, if the first grain of tetrahedral crystals in front of the tip of such a pseudocrack transforms, this crack will grow, triggering
the next grain into transformation and, consequently, an overcritical crack propagation will be

Figure 7 Schematic of the surface of an Y-TZP ceramic and the cross-sections of clusters of crystals
already transformed from the tetrahedral to the monoclinic phase (black) inside a matrix consisting of
tetrahedral crystals (white). (A) Shallow-shaped cluster of transformed crystals resulting in some increased
surface roughness. (B) Essentially wedge-shaped cluster of transformed crystals creating the forces, Fc,
resulting from the expansion of the crystals within the cluster on their transformation and having the
tendency to widen the pseudocrack thus formed. This can be reinforced by the external tensions, FE, acting
along the surface.
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initiated. This cause of catastrophic failure has an additional severe consequence: it renders
proof testing worthless. In proof testing, the pieces are taken up to a stress and strain level in
the most critically loaded area in their later application, which is just sufficient to initiate growth
for all cracks of more than the predetermined critical length. In Y-TZP ceramics, however,
cracks of the kind described above do not necessarily exist during the testing procedure. Rather,
these pseudocracks can be the result of the actual service conditions. Therefore, proof testing
of this kind of ceramic is rather useless.

V. CONCLUSIONS
The evaluation of the occurrence of fractures of alumina and zirconia ceramic components in
hip surgery clearly indicates an obvious difference in their time dependence. While the relatively
high fracture rates of the initial learning period of alumina ceramics could be avoided for zirconia
ceramic components, the fracture rates for the later periods of application of zirconia ceramic
remain higher by about one order of magnitude and do not show any decrease. This observation
is in contrast to the much higher mechanical strength and toughness of the zirconia ceramics.
The discussion of this discrepancy considering the essential structural differences of the two
materials leads to the conclusion that the problem of the Y-TZP ceramic is inherent with this
material [79]. As, at present at least, no chance for a remedy of this situation nor improvement
can be seen, the use of this material in reconstructive surgery should be reconsidered, as has
been suggested previously [80,81].
But such a reconsideration does not necessarily indicate that all hopes for improvements
of the safety of ceramic components in reconstructive surgery beyond those presently achieved
with alumina ceramic must be abandoned. The recently developed alumina matrix precipitation
hardened ceramics have reached levels of mechanical strength and toughness on the order of
magnitude of the best zirconia ceramics (see last column in Table 3 [82]) and, because of their
stable alumina matrix, have the potential of avoiding the corrosion problems of the zirconia
ceramics.
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zur Gewebsverträglichkeit oxidkeramischer (Al2O3) Abriebteilchen. Arch orthop. Unfall-Chir 1973;
76:270–279.
33. Griss P, Werner E, Buchiner R, Büsing C-M, Heimke G. Zur Frage der unspezifischen Sarkomenstehung um Al2O3-keramische Implantate. Arch. Orthop. Unfall-Chir 1977; 90:29–40.

398

Heimke

34. Griss P, Heimke G. Five years experience with ceramic-metal-composite hip endoprostheses. I.
Clinical evaluation. Arch. Orthop. Traumat. Surg 1981; 98:157–164.
35. Heimke G, Griss P. Five years experience with ceramic-metal-composite hip endoprostheses. II.
Mechanical evaluations and improvements. Arch. Orthop. Traumat. Surg 1981; 98:165–171.
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75. SGCA Desmarquest. 2002. Information on recent breakages reported on Prozyr威 zircor. June 26th,
2002. http://www.prozyr.com/Pages_UK/Biomedical/positionE.htm.
76. Barthas J. Arbre decisionnel en presence d’un malade porteur d’une tete zircone faisant partie des
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I. INTRODUCTION
Due to its excellent biocompatibility, titanium (Ti) permits good tissue integration [1–3]. However, the success rates and the amount of bone contact to smooth implant surfaces were reported
to be lower as compared to rough implant surfaces in low density bone [4]. Since the beginning
of 1980s, many researchers have worked on the development of new surface textures in order
to improve initial implant stability and bone healing. Popular implant surface modifications have
included plasma-spraying of hydroxyapatite (HA) and Ti (TPS).
Many dental and orthopedic implant systems utilized osteoconductive surfaces such as
HA coatings to promote implant fixation to bone by direct bonding or osteointegration. In
addition, the organic matrix of bone is permeated by HA, which makes up 67% of bone. Increased
roughness on TPS implants has been another reason to promote implant fixation through bone
ingrowth into the porous structures and provide an alternative to osteconductive surfaces [5].
However, in the past decade, despite many excellent basic science studies and good long-term
clinical results, some controversies persist regarding proper application of plasma-sprayed HA
coatings and the TPS coatings in dental and orthopedic implants [6–14]. This chapter provides
the current research of plasma-sprayed HA and TPS implants used for dental and orthopedic
applications, including plasma spraying techniques, in vivo study, application and indication in
dental and orthopedic clinics, retrieval studies, and future developments.

II. PLASMA SPRAYING
Of the many techniques used for implant surface modification, plasma spraying is one of the
commercially accepted methods for producing HA and TPS coatings. The principle of plasma
spraying is shown schematically in Fig. 1 [15]. A DC electric arc is struck between two electrodes,
while a stream of gases pass through this arc. This results in an ionized high temperature gas
(up to 30,000⬚C). A large gaseous expansion occurs as a result of the increase in gaseous
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Figure 1 Schematic of the plasma-spray principle. Between two electrodes, a DC power (60–100 V)
exists, such that currents of up to several hundred amperes are generated between cathode and anode. The
energy released causes a high-speed plasma to be formed, the so-called plasma flame. Ceramic powders
injected into this flame can be deposited onto a (metallic) substrate, thus forming a ceramic coating. (From
Ref 15.)

temperature, thereby causing the carrier gas stream to pass through the arc at a speed approaching
the speed of sound. Coating powder is suspended in the carrier gas stream, which is fed into
the plasma flame. The heat content of the plasma flame, and thus the ability to increase the
temperature of a particle, depends strongly on the gas used. In addition, the longer a particle
resides in the plasma flame, the higher will be the plasma temperature. Ideally, only a thin outer
layer of each powder particle gets into the molten plastic state, which unavoidably undergoes
some phase transitions. This plastic state, however, is necessary to ensure dense and adhesive
coatings. As such, properties of plasma-sprayed coatings depend on the optimal relation between
the particle size, the gas used, the speed of the plasma, the distance between plasma nozzle and
substrates, and the cooling process for the desired composition and crystallinity.
Operation of DC plasma guns used in plasma spraying is characterized by arc instabilities
which affect the plasma jet outside the nozzle. These instabilities are governed by the electrode
design, the gas injection mode, the spraying parameters, and the condition of the anode wall
[16]. Among the above factors, the electrode design, the gas injection mode, and the condition
of the anode wall have been fixed as soon as the plasma-spraying equipment is chosen. In the
plasma-spraying process, some basic parameters include power, current, distance between nozzle
and substrates, plasma work gas rate, carrier gas rate, and powder feed rate. The properties of
coatings are controlled by regulating the above plasma-spraying parameters, whereas spraying
time was used to regulate the coating thickness. Table 1 is an example of parameters for plasmasprayed HA and TPS coatings. Among the above parameters, plasma work gas composition is
an important parameter that can be regulated to obtain coatings with the desired properties.
First, plasma work gas composition influences the crystallinity of the coating. Argon mixed
with hydrogen gives a higher degree of crystallinity. However, without hydrogen, the powder
particles cannot enter the gas. This is because the high velocity and viscosity of the argon gas
cause the particles to bounce back from the flame instead of entering it. Thus, it is obvious that
the plasma-spraying technology allows for the production of either amorphous or (partially)
crystalline coatings of HA or TPS on implant surfaces. Second, plasma work gas composition
also influences the thickness. For example, the use of nitrogen as the carrier gas resulted in a
thicker coating layer as compared to the use of argon.
It is well known that both Ti and apatite are thermodynamically unstable at plasmaspray temperatures. The TPS-coated dental implants are designed for the mandibular symphysis
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Table 1 Plasma Spraying Parameters Used for Depositing Different Coatings
Coatings

Power
(Kw)

Current (A)

Distance
(mm)

⬃30

500

80⬃90

Work gas rate
(L/min)

Carrier gas
rate (L/min)

Powder feed
rate (g/min)

Ar: 3

⬃20

Ar: 3

⬃50

Ar: 3

⬃40

Ar: 50
HA

H2: 3
Ar: 50
TPS

⬃35

550

120⬃150
H2: 5
Ar: 50

Zirconia

⬃40

630

70⬃80
H2: 6

Source: Ref. 26.

anterior to the mental foramen. For most dental implants, the plasma-sprayed layer begins at
the implant shoulder. It is from this point that the implant will be completely embedded in jaw
bone. During deposition, TPS coatings are usually performed in a vacuum atmosphere in order
to avoid the oxidation of metal particles. Babbush et al. provides a sample coating parameter
for TPS coatings [17]. The coating was produced using an argon gas flame spraying powdered
titanium at 15,000⬚C onto a core not heated above 220⬚C. This process gives a porous coating,
0.04 to 0.05 mm thick, on the threaded area of the implant with bond strength of 0.5 kp/mm2
and no impairment of fatigue resistance. Overgaard et al. demonstrated that porosity of plasmacoated surface led to more rapid healing and substantially less foreign body reaction [18].
Scanning electron microscopy shows that bone is able to grow into these pores without a connective tissue membrane. Additionally, plasma coating results in a sixfold surface enlargement of
the anchored implant portion, thereby substantially improving the microanchoring characteristic
of the bone and lowering the specific pressure per unit area. However, a very thin TPS coating
is not desirable because it cannot provide enough rough surfaces for bone anchoring.
Calcium oxide is usually formed when HA deposition is performed in air. The integrity
of the coating produced in air will depend on the amount of calcium oxide formed. The reaction
of high concentration of calcium oxide with water usually resulted in poor coating integrity. An
increase in calcium oxide formation also occurs when a higher concentration of hydrogen is
used as a carrier gas as compared to the use of pure nitrogen as a carrier gas. The use of hydrogen
resulted in more flame enthalpy and a lower flame velocity. As such, the particle undergoes
more melting and decomposing when a higher concentration of hydrogen is used as a carrier
gas.
The deposition of HA coatings on medical devices are between 50 to 100 m thick.
Coatings with thickness greater than 80 m become brittle, whereas very thin HA coatings may
resorb too fast. Bond strength of the HA coating to the metal is difficult to measure, but generally
is higher than that of porous-bead coatings. Significant porosity of the HA material lowers the
mechanical strength and increases the resorption rate. Good coatings are completely dense and
consist of pure HA. The Ca/P ratio in the coating should be as close to that of natural HA
(10/6⳱1.67). Combinations of HA with tricalcium phosphate have been studied but clinical
application of these coatings is rare. This is because tricalcium phosphate has been known to have
a much faster degradation rate than hydroxyapatite, and may lead to uncontrolled degradation of
the entire coating. Other calcium phosphates such as fluorapatite [19,20], whitlockites [21], or
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Table 2 Surface Roughness of Ti Substrate and Coatings
Surface
HA coating on Ti substrate
TPS coating on Ti substrate
ZrO2 coating on Ti substrate

Average roughness, Ra (m)

Starting powder size (m)

4.96 ⫾ 0.43
5.65 ⫾ 0.35
3.61 ⫾ 0.39

45⬃160
100⬃150
40⬃100

Source: Ref. 26.

brushite [22] have been studied as coating material, but no advantages were established to justify
their clinical applications [23–25].
In our previous study, the effects of TPS- and zirconia (ZrO2)-coated Ti substrates on the
adhesive, compositional, and structural properties of plasma-sprayed HA coatings were evaluated
[26,27]. The coatings evaluated were (1) HA coating on Ti substrate; (2) TPS coating on Ti
substrate; (3) ZrO2 coating on Ti substrate; (4) HA coating on ZrO2-coated Ti substrate; and
(5) HA coating on TPS-coated Ti substrate. Using x-ray diffraction analyses and Fourier transform infrared spectroscopy, apatite-type and ␣-tricalcium phosphate phases were observed for
all HA coatings. Scanning electron analyses indicated that coating surfaces appeared rough and
melted. As shown in Table 2, the surface roughness of different coatings was reported to correlate
to the size of the starting powder [26]. No significant difference in the Ca/P ratio of HA on Ti
substrates and the HA on TPS-coated Ti substrate was observed. However, the Ca/P ratio of
HA on ZrO2-coated Ti substrate was significantly increased. Interfaces between all coatings and
substrates were observed to be dense and tightly bound, except for HA coatings on TPS-coated
Ti substrate interface. In addition, the adhesive strength of TPS coating to Ti substrate was
significantly greater compared to the other groups tested (Table 3). No statistical difference in
the adhesive strength of HA coating to Ti substrate and ZrO2 coating to Ti substrate was observed.
The adhesive strengths of HA coating on ZrO2-coated Ti substrate and HA on TPS-coated Ti
substrate were the lowest and less than 30 MPa. At the 0.05 level, significant difference in the
adhesive strength between HA coating on Ti substrate and HA coating on ZrO2-coated Ti
substrate was observed (p⳱0.02). Similarly, significant difference in the adhesive strength between the HA coating on Ti substrate and HA coating on TPS-coated Ti substrate was observed
(p⳱0.005).
III. IN VIVO STUDY
Numerous initial studies demonstrated direct bone contact with cylindrical screw–shaped Ti
implants [28,29], Ti alloy implants [30,31], porous Ti implants [32,33], TPS implants [34,35],
Table 3 Adhesive Strength of Different Coatings to Ti Substrates
Surface
HA coating on Ti substrate
Ti coating on Ti substrate
ZrO2 coating on Ti substrate
HA coating on TPS-coated substrate
HA coating on ZrO2-coated Ti substrate
Source: Ref. 26.

Adhesive strength (MPa)
32.50 ⫾ 3.56
54.10 ⫾ 1.33
32.30 ⫾ 1.80
21.40 ⫾ 1.02
25.10 ⫾ 1.00
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and HA-coated Ti implants [36,37]. However, these studies primarily involve simple descriptive
qualitative studies and lack of comparison investigations. Some of the following studies quantified and compared the actual percentage of bone contact with implants.
A 1-year clinical evaluation of data on 120 alumina-coated Ti cylindrical and Ti bladetype implants placed in the mandible of 30 adult dogs demonstrated healthy bone and gingival
tissue responses to 112 of the 120 implants (success rate 93%). However, both the one-stage
and two-stage alumina-coated implants exhibited problems for five of the 20 implants placed
(success rate 75%) [38]. Using 22 stems, Hacking et al. compared the osseous response to
implant surfaces with different roughness in a canine hip model for 6 months [39]. The entire
surface of the femoral implant had a 2.9-, 4.2-, or 6.7-m average surface roughness (Ra) from
blasting with 60-, 24-, and 16-grit corundum particles, respectively. No significant difference
in bone apposition between the 60-grit stem (31.7%), 24-grit stem (32%), and 16-grit stem
(27.9%) was observed [39].
In comparing the percentage of direct bone–implant contact for sandblasted, HA, TPS,
and acid-etched implant surfaces, Buser et al. used a pig model [40]. Sandblasted and TPScoated implants demonstrated 30-40% mean bone contact. The highest percentage of bone–implant contact was observed in HA-coated implants (60–70%), then sandblasted followed by acid
etched (HCl/H2SO4) implants (50–60%). However, HA-coated implants consistently revealed
signs of resorption [40]. In a canine model, Novaes et al. compared the bone–implant contact
with smooth (machined) implants, TPS implants, HA implants, and implant surfaces sandblasted
with soluble particles (SBM) after 90 days in unloaded condition [41]. Although bone–implant
contact for TPS (48.9%) and HA (57.9%) were numerically superior to that for machined implants (41.7%), significant difference was observed only between SBM implants (68.5%) and
machined implants (p⬍0.05) [41]. In a rabbit tibia model, no advantage in bone contact percentage was reported when comparing HA surface to Ti [42]. The bone contact to rough HA surface
scored similarly to that for TPS surface of similar roughness [42]. In a 2- and 12-week rabbit
model, calcium phosphate (CaP) sputtered implants showed a higher amount of bone contact
compared to noncoated implants (p⬍0.05) [43]. In another study, total bone apposition (p⳱0.01)
and bone ingrowth (p⳱0.01) in the implants coated with HA was significantly greater compared
to implants coated with TPS after 4-month implantation in a canine hip model. However, no
statistical difference in bone ingrowth or bone apposition was observed between the 50- and
100-m thickness HA coatings [44].
The above contact length observations were in agreement with our canine study using the
mandibles. In addition to bone contact length, we observed no significant difference in mean
ultimate interfacial strength (Fig. 2) between HA (2.7 Ⳳ 0.3 MPa), TPS (3.1 Ⳳ 0.5 MPa), and
noncoated Ti implants (2.15 Ⳳ 0.2 MPa) at 12 weeks after implant placement (prior to loading).
Similarly, after loading for 1 year, no statistical difference in ultimate interfacial strength between
the HA (3.2 Ⳳ 0.4 MPa), TPS (3.1 Ⳳ 0.9 MPa), and Ti implants (3.4 Ⳳ 0.1 MPa) was observed.
Scanning electron micrographs of the mechanically tested implants at 12 weeks after implantation
and at 1 year after loading revealed that fracture between the bone and HA or TPS implants occur
at the coating–substrate interface and/or within the coating (Fig. 3). An interesting observation is
that there is no clear correlation between bone contact percentage and interfacial strength. Some
other investigations also reported that the implants with lower bone contact percentage had
higher interface strength [45,46]. These observations suggested that the bonding mechanisms
for HA-coated and TPS implants are different, with the HA being more of a chemical bonding
and the TPS being more of a mechanical interlocking.
In a 4-week rat model, the push-out strength of the HA-coated implants was higher than that
of noncoated implants in 15 ovariectomized and 15 normal control rats (p⬍0.0001). However, the
push-out strength of HA-coated implants in the ovariectomised group had a reduction of 40.3%
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Figure 2 Pull-out strength of different implant surfaces after 12 weeks implantation and after 1 year
loading (64 weeks after implantation). Error bar indicates 1 SD.

compared with the control normal rat group (p⬍0.0001) [47]. In another study using TiO2gritblasted and CaP-sputtered implants, the sputtered CaP coatings showed improved initial
fixation and healing response when implanted into the trabecular bone of the goat [48,49]. In
a 14-day goat model, a lipid-stabilized HA/chlorhexidine coating was also reported to be successful in decreasing infection (p⬍0.01) and improving fixation (p⳱0.04) of external fixator pins
as compared to noncoated stainless steel and Ti pins [50]. Moroni et al. found better fixation and
greater bone–implant interface strength of HA-coated pins in a 6-week sheep model compared to

Figure 3 SEM photomicrographs of fracture interface for (a) TPS after 12 weeks implantation, (b) HA
after 12 weeks implantation, (c) TPS after 1 year loading, and (d) HA after 1 year loading. C ⳱ coatings;
B ⳱ bone; Ti ⳱ titanium substrate. Arrows indicate cracks at the coating-metal interface.
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Figure 4 A representative scanning electron micrograph of fractured half of the bone–implant block,
with the implant removed. M ⳱ implant removed; NB ⳱ newly formed bone; PB ⳱ pre-existing bone.
(From Ref. 60.)

TPS-coated and uncoated pins [51]. Factually, many recent clinical reports have confirmed the
remarkable improvements in the clinical results of external fixation [52–59].
In current coating research using the plasma-spraying technology, a hybrid plasma-spraying processing including Ti plasma-spraying and ion implantation of amino (NH2Ⳮ) groups was
also used as a means of modifying Ti surfaces [60,61]. It was reported that ionimplanted porous
graded titanium coatings had a thick surface oxide layer containing small amount of nitride. In
vivo study indicated direct bone contact between surface-modified Ti implants and osseous
tissues (Figs. 4 and 5). In addition, osseous tissues were observed to grow into the pores inside
the coatings (Fig. 6), thereby allowing the formation of a gradual calcium phosphate interface
layer. It was concluded from the study that ionimplantation of Ti surfaces with amino groups
induced higher concentration of calcium and phosphorus precipitation and more mineralization
as compared to non-ion-implanted Ti surfaces [60,61.]

Figure 5 Representative scanning electron micrographs of the two halves of the fractured bone-implant
block after 8 weeks implantation. (a) Block containing bone. (b) Block containing an implant embedded
in the bone. Osteoblasts and fractured bone tips were observed on both fractured halves. (From Ref. 60.)
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Figure 6 Representative fluorescence micrograph of the PSIT implant–bone interface at 8 weeks after
implantation (arrows ⳱ NB). Original magnification 100 ⳯. (From Ref. 60.)

In addition, current research has included the investigation of HA crystallinity on bone
ingrowth and fixation [23,62,63]. After 16 weeks postimplantation, HA implants with 50%
crystallinity achieved a higher mechanical fixation compared to HA implants with 75% crystallinity. After 32 weeks postimplantation, no difference between HA implants with 50% crystallinity and 75% crystallinity was observed. It was observed that fixation of HA implants with
75% crystallinity increased from 16 to 32 weeks, whereas fixation of HA implants with 50%
crystallinity remained unchanged [64]. No significant difference in extraction torque values was
observed between screw-type HA implants with 70% crystallinity and 40% crystallinity at 1, 3
and 12 months [65]. However, the extraction torque values of HA-coated screws at 3 and 12
months were significantly increased compared to the extraction values at 1 month [65]. In a
comparative investigation using a canine model, involving 36 endosteal dental implants coated
with 20-, 40- and 50-m-thick-HA or left uncoated, bone adaptation on uncoated implants
(53.9%) and 20-m-thick HA-coated implants (54.2%) was significantly higher compared to
bone adaptation on 50-m thick HA-coated implants (47.5%) at 1 month. However, no difference
in bone adaptation was observed between uncoated implants, 20-m-thick HA-coated implants,
and 50-m-thick HA-coated implants after 3 months implantation [66].
Some implant surface modifications of HA and TPS coatings are carried out by combining
bioactive factors. In a New Zealand white rabbits model using cranium, the combination of
Timesh (1.37 mm2 and 36%) with recombinant human transforming growth factor-␤ 1 (rhTGF␤1) was reported to induce orthotopic bone formation as compared to nonloaded implants (0.57
mm2 and 26%) [67]. In addition, a thin CaP coating (57% bone ingrowth) did not further enhance
the bone-conducting properties of a Ti scaffold material (54% bone ingrowth). In a rat model,
significantly more bone formation was observed for TPS implants treated with recombinant
human bone morphogenetic protein 2 (rhBMP2) as compared to control implants [68]. It was
also reported that rhBMP2 remains biologically active after application to TPS implants and
may be used to enhance apposition bone formation by direct application to the implant surface.
An interesting observation with the use of HA-coated and TPS-coated implants is the
degradation of the coatings. Although various studies showed different degradation behavior of
HA coatings, some initial dissolution or degradation of HA coating is essential to obtain rapid
biological fixation. Natural remodeling of bone around the implants by the physiological osteoclast and osteoblast cell cycle promotes degradation of coatings, especially the amorphous phase
of the coating. In a canine model, the thickness of HA coating was observed to decrease significantly after 4 and 24 weeks implantation time (p⬍0.01) [69]. Resoption of HA coating was
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reported as early as 16 weeks after placement of the implant [70]. von Vlitterwjk reported
resoption of 65% of the 50-m-thick HA coating during unstable mechanical conditions [71].
However, retrieval from a 10.6-year experimental canine showed significant remnants of the
HA coating [13,72]. However, other studies indicated the existence of strong bonding despite
the degradation of HA coatings within 12 months of implantation [73].
Although an increased surface area is observed with TPS-coated implants, the release of
Ti ions was not observed 8 weeks after implantation [60]. However, 14 months after implantation,
tiny Ti granules ranging from 5 to 50 nm in diameter have been found in the adjacent bone
when TPS-coated implants were used [74]. In addition, CaP needlelike crystals within the porous
Ti were observed, indicating bone ingrowth and a direct bone-binding mechanism to the outer
surface of the TPS coating.

IV. APPLICATION OF HA AND TPS COATING IN CLINICS
Plasma-sprayed HA-coated and TPS-coated implants are used as dental implants, pins and total
hip arthroplasty [75–78], total knee arthroplasty, total elbow arthroplasty [79], and total shoulder
arthroplasty [80].
A. Dental Implants
Since the initial development of TPS- and HA-coated dental implants, numerous studies have
demonstrated favorable or superior results for TPS- or HA-coated implants as compared to
noncoated Ti implants [81,82]. O’Roark did a large anecdotal case report of survival rate of
dental implants in excess of 3000 implants of one practitioner placed over a span of 25 years
[83]. The survival rate of dental implants reached 90.5% over 12 years. With over 6 years in a
dental school clinical training center, 80 different operators with a wide range of clinical experience inserted 1263 implants in a diverse patient pool of 380 individuals [84]. Analysis of the
outcomes showed a cumulative survival rate of 91.3%. The TPS screw implant system for
reconstruction of the edentulous mandible has been used successfully for over 25 years, and the
technique has demonstrated over 8 years 94% average success [17]. The ITI威 dental implant
system, with its advantage attaining osteointegration microscopically due to TPS coatings, has
been tested in the laboratory and clinically used for almost 20 years [85]. A 6-year clinical
follow-up study of Osseotite威 implants reported a cumulative implant success rate of 96.6%
[86]. The surface complexity of Osseotite is created by thermal acid-etching a commercially
pure Ti implant with hydrochloric and sulfuric acids.
The long-term clinical success of HA-coated endosseous dental implants also has been
excellent. Results of thousands of implants at greater than 5 to 8 years’ follow-up have consistently shown survival rates in excess of 90% [87–91]. Minimal problems related to the HA
coatings have been reported. Buchs et al. published an interim clinical study report to evaluate
a 5-year postrestoration safety and efficacy of threaded HA-coated implants conducted at three
study sites [92]. The 2062 implants placed and restored among 720 patients over the 5-year
period included over 600 implants and 200 patients at each study site. Their data included
accountability and rigorously applied implant success/failure criteria. The surgical success rate
at exposure was 98.3%. The 5-year post-restoration follow-up success rate, determined by means
of life table methodology, was 96.0%.
In an 8-year compilation of clinical results obtained with Steri-Oss endosseous implants,
a total of 1499 implants placed in 389 women and 216 men had an average success rate of
96.1% [93]. The success rates of 262 Ti screws, 209 HA-coated screws, 810 HA-coated cylinders,
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and 132 TPS cylinders were 88.5, 97.6, 98 and 99.2%, respectively. A higher success rate for
HA and TPS implants was observed.
Several short-term clinical trials of HA-coated implants and Ti implants have been compared to information collected using animal models [94]. Most of these studies seem to agree
that HA-coated implants do better than Ti implants, presumably because of a biochemical bond
at the bone–implant interface. In a 3-month nonloading clinical evaluation of HA-coated and
TPS-coated cylinder dental implants, TPS-coated implants showed a higher but not significant
failure rate compared with HA-coated implants (p⳱0.06, n⳱352) [94]. The TPS surfaces have
been shown to increase the surface area available for osseointegration and to enhance the rate of
bone formation. In a 3-year follow-up study of three different endosseous implants in edentulous
mandibles, peritest values for HA-coated implants were significantly better than test values for
the TPS-coated implants and standard threaded Ti implants after 2 years implantation [95].
However, significant difference was observed between HA-coated implant and standard implant
only (p⬍0.05) after 3 years implantion. In addition, when marginal bone resorption was considered, standard implants and HA-coated implants had significantly better scores than TPS-coated
implants.
A 7-year clinical evaluation of soft-tissue effects of HA-coated and noncoated subperiosteal Ti implants showed HA-coated implants to be associated with a kinder soft-tissue response,
typified by a tighter, healthier soft-tissue seal around the perigingival abutment posts and with
no postimplantation strut dehiscence complications [96]. Fish and Misch also reported that a
HA-coated subperiosteal implant induced a mandibular bone growth in a 13-year-old patient
[97].

B. Pins and Screws
Hydroxyapatite coating on pins was reported to increase stability, thereby reducing the risks for
pin tract infection and mechanical failure of fracture fixation [52–57]. In a prospective, randomized clinical study of wrist fractures of 20 female patients, HA-coated pins provided improved
fixation in the treatment of wrist fractures in patients with osteoporosis (p⬍0.0001) [53]. The
use of HA-coated pedicle screws was reported to improve fixation compared to noncoated screws
(p⬍0.001), with reduced risk of loosening of the screws [54].

C. Knee Arthroplasty
In a 1-year follow-up study of HA-coated (16 patients), TPS-coated (15 patients) and noncoated
(15 patients), total knee prostheses, HA coating had a strong positive effect on the tibial components’ fixation [98]. No prosthesis in the HA groups showed continuous migration. In a 2-year
follow-up study of 31 total knee prostheses, the reported micromotions on HA-coated tibial
components fixed without cement was similar to that of noncoated tibial components fixed with
cement [99]. In addition, the micromotions on noncoated tibial components fixed with cement
was significantly lower than noncoated components fixed without cement (p⬍0.001). Therefore,
HA may be necessary for the adequate fixation of tibial components when cement is not used.
In a 2-year follow-up study of 116 total knee prostheses, TPS-coated implants migrated at a
statistically significantly higher rate than HA-augmented or cemented implants [100]. There
was no significant difference between HA-coated and cemented implants. HA-augmentation
may offer a clinically relevant advantage over a simple porous coating for tibial component
fixation, but is no better than cemented fixation.
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D. Femoral Stems
Hydroxxapatite and TPS coatings on femoral stems have been widely and successfully used in
clinical settings. Tables 4 and 5 list the surface properties of some products and the comparison
of long-term follow-up study in the recent literature [101–122].
After a mean follow-up duration of 7.5 years, the prevalence of osteolysis around femoral
stem-coated with noncircumferential TPS coating (40%; 50 of 126 hips) was significantly higher
than that coated with circumferential TPS coating (10%; 9 of 90 hips) (p⬍0.001) [123]. Osteolysis remote from the joint space (acetabular cup) was found in 11% 14 of the hips with noncircumferential TPS coating. However, no osteolysis remote from the joint space was observed
with circumferential TPS coating (p⳱0.0004). The average total area of osteolysis around the
hips with noncircumferential TPS coating (5.0 cm2) was significantly larger that with circumferential TPS coating (2.9 cm2 (p⬍0.05). It was suggested that a circumferential TPS coating on
the femoral component of a total hipreplacement prosthesis inserted without cement provides
an effective barrier preventing wear debris from gaining access to the implant–bone interface.
So far all the 10-year follow-up studies of femoral components with cobalt–chromium
(CoCr) porous coating and TPS or HA coating have suggested that femoral components with
HA coatings have higher survival rates. In addition, the survival rate of femoral components
with TPS coating was reported to be better than CoCr porous coating. The success of femoral
stems with HA and TPS coating probably resulted from two aspects: [1] the improvement of
initial fixation due to biochemical bonds of HA coating and increased surface area of TPS
coating, and [2] the effective sealing of HA and TPS coating to the debris out from the wear.
From a clinical point of view, HA and TPS coatings have excellent success when used
as dental implants and pin, femoral stem, knee, and shoulder implants. However, some authors
have also reported peri-implant bone loss, rapid bone resorption [124], and a higher failure rate
for HA-coated implants [125–128]. Erosion of the surface on HA coatings has been reported
[129]. After a minimum follow-up duration of 5 years (mean 7.9 years, range, 5.3 to 9.1 years),
one (1%) out of the 131 HA-coated threaded cups, two (2%) out of the 109 porous-coated pressfit cups, and 21 (11%) out of the 188 HA-coated press-fit cups had been revised because of
aseptic loosening [130].
In 1982, Adell and coworkers proposed the prerequisites for achieving osseointegration:
(1) biocompatible materials; (2) primary stability of the implant; (3) atraumatic surgical procedure; and (4) surgical protocol with submerged implants, which are unloaded during the healing
phase of 3 to 6 months [131]. Furlong, who first began clinical trials using the HA-coated
implants in 1985, stated emphatically that for a HA-coated implant to become integrated, the
conditions of contact, stillness, and stressing must be fulfilled [132]. The HA coating itself does
not give initial stability. It is the design of implants and suitable surgical procedures which must
provide initial total immobility (primary fixation) so that bone ingrowth (secondary fixation)
can occur. On the basis of this concept, a success rate of 99% of HA-coated implants was
reported in a mean follow-up study of 10 years. Baumgarten and Chiche also discussed the
complications and failures associated with osseointegrated implants [133]. It was reported that
failure cases are mostly related to lapses in quality control by manufacturers and the possibilities
of mishandling HA-coated implants by surgeons and restorative dentists, rather than the fault
of the HA coating [134].
V. RETRIEVAL STUDIES
Steflik et al. carried out a continuous investigation using light and scanning electron microscopy
analyses of 51 implant cases in 1994 [135], 135 implant cases in 1999 [136], and 200 implant
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Table 4 Surface Characterization of Coating on Different Femoral Components
Femoral
name
AML

Femoral
component
Anatomic
medullary
locking

Company
Depuy, Warsaw, IN

Trilock

Depuy, Warsaw, IN

Taperloc

Biomet, Warsaw, IN

PCA

Porous coated,
anatomic

Howmedia,
Rutherford, NJ

HG

Harris-Galante

Zimmer, Warsaw, IN

MH

Malloy head

Biomet, Warsaw, IN

Surface characterization
of coating
The porous surface is made of
cobalt–chromium (CoCr) substrate
with sintered CoCr beads and a
mean pore size of 200 m.
The porous surface is coated with
sintered CoCr beads. The average
diameter of the beads is 150 m
(100–250 m) and forms an
irregular porous surface.
The proximal 40% of the implant is
coated with the identical Ti alloy
(Ti-6Al-4V) applied with a
pressure plasma spray technique.
The plasma spray porous coating is
between 635 to 889 m thick. Pore
diameter varies throughout the
coating from 92.3 m at the
surface to 480.3 m at the
outermost points of the coating
surface.
The femoral and acetabular
components are composed of
chromium–cobalt alloy (vitallium),
with a double layer of sintered
vitallium beads on the back of the
acetabular components and
circumferentially on the proximal
one-third of the femoral stem. The
mean size of the pores of the
coatings is 425 m. The coating
has a porosity of 35%, a thickness
of 1.5 mm, and a reported shear
strength of 7000 lb/in2.
The femoral component is made from
forged Ti alloy with commercial Ti
fiber mesh porous ingrowth pads.
The mesh has a pore volume of
50% with an average pore size of
300 m.
The proximal 1/3 of the femoral
component is covered
circumferentially with a plasmasprayed coating, whereas the
middle 1/3 is grit blasted. The
distal surface featured a matte
finish.

Ref.
101

106

106

102–104

119,120

107,108

(Continued)
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Table 4 Continued
Femoral
name

Femoral
component

Company

RPF

Plasma Biotal,
Tidewell, UK

Landanger

Landanger,
Chaumont, France

Omnifit

Osteonics, Allendale,
NJ

Omnifit-HA

Osteonics, Allendale,
NJ

JRI
Furlong-HA

JRI Furlong,
HA-coated

JRI Instrumentation,
London

Surface characterization
of coating
The HA coating is applied by plasma
spraying (first on Ti alloy implants
and latter on CoCr implants). The
coatings have a relative
crystallinity of 70–90%, a thickness
of 55–90 m, minimum shear bond
strength of 25 MPa, purity of
97–98%, and roughness of
6–16 m Ra.
The surface of Ti alloy substrate is
entirely plasma sprayed with a HA
layer (thickness of 155 ⫾ 35 m).
The porous coating consists of a
double layer of 425- to 500-mthick CoCr spherical particles
sintered to the substrate stem.
Stem surface roughness is 3 to 4.3 m
before the application of HA
coatings. After HA coating, stem
roughness ranges between 4.3 to
8.1 m. The HA coating of 50-m
thickness has a porosity below 3%,
97% HA purity, and 65%
crystallinity.
Furlong Ti-6Al-4V prosthesis is
coated with Osprorit HA. The
200-m-thick HA coating has a
bond strength of 40 MPa in both
tension and shear tests.

Ref.
110,111

121,122

105

112–114

146

cases in 2001 [137,138]. These implants were retrieved from humans and submitted to the
American Academy of Implant Dentistry Research Foundation, Medical College of Georgia
Implant Retrieval Center. Cases included both orthopedic and dental implants as well as entire
mandibles and portions of maxillae obtained at autopsy. These implants failed because of implant
fracture. As observed with animal studies, healthy bone supported these implants, with the
bone containing an interdigitating canaliculi us network that provided communication between
interfacial osteocytes and osteocytes deeper within the remodeled osteonal and trabecular bone.
Early dental implants containing a coating of beads showed a connective tissue interface which
corresponded to the bead surface of specific orthopedic implants that underwent some degree
of micromovement. This was in contrast with the excellent response reported for successful
contemporary beaded implants. Significant numbers of osseointegrated fractured HA-coated
dental implants demonstrated adequate serviceability of these implants before biomaterial fracture. In contrast, the HA coating was dissociated from retrieved orthopedic implants, leading
to extensive cup loosening and case failure.
Rosenlicht and Tarnow did the first human histological case report of implants that were
simultaneously placed with a sinus lift and loaded [139]. These implants were retrieved 2.5
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Table 5 Comparison of 10-Year Follow-Up Postimplantation of Femoral Components

Author
Engh (1997)
Xenos
(1999)
Kim (1999)
Hellman
(1999)
Purtill
(2001)
Purtill
(2001)
Bourne
(2001)
McLaughlin
(2000)
Donnelly
(1997)
D’ Antonio
(2001)
MaNally
(2000)
Geesink
(2002)

Femoral
name

Average age
Number
of patients
of hips (range) (years)

Average
Mechanical
follow-up
failure
Thigh
(range) (years)
rate (%)
pain (%)

Ref.

AML
(CoCr)
PCA
(CoCr)
PCA
(CoCr)
Omnifit
(CoCr)
Trilock
(CoCr)
Taperloc
(TPS)
MH
(TPS)
Taperloc
(TPS)
RPF
(HA)
Omnifit
(HA)
JRI (HA)

174

54 (16–79)

11 (10–13)

3

3–10

101

100

58 (22–81)

10–13

5

0

102, 103

116

48.4 (16–69)

10 (10–12)

22

14

104

76

45.4 (19–67)

9.9 (5.1–12.5)

2.6

4

105

77

50.4

15 (14.5–16.9)

12

2

106

180

60

11 (8–14)

0.5

4

106

307

64 ⫾ 10

10–13

1

3

107, 108

114

37 (20–50)

10.2 (8–13)

4

2

109

115

52.0⫾11.9

5–10

0

314

51

10–13

0.5

1.6

112–114

100

45–94

10 (9–12)

0

1.2

115,116

Omnifit
(HA)

118

53 (21–73)

12 (11–13)

0

⬍3

117, 118

110, 111

years after placement and 2 years after loading. The case report histologically verified that
osseous integration can occur when implants are placed simultaneously at the time of antral
augmentation.
Coathup et al. investigated implant–bone interfaces around one design of femoral stem,
proximally coated with either a plasma-sprayed coating (plain porous), a HA porous coating
(porous HA), or which had been grit-blasted (Interlock) using retrieval hip replacements [140].
They treated 165 patients with a mean age of 84.8 years (79 to 92) for fracture of the femoral
neck using a Bimetric hip hemiarthroplasty (Biomet, Bridgend, UK). Each patient randomly
received a femoral component with either a plain porous, a porous HA, or an interlock surface
on the proximal region of the femoral stem. Of 165 patients implanted, 58 specimens were
retrieved at postmortem. Bone ingrowth and attachment to the surface of implants were estimated
in eight plain porous, seven porous HA, and six interlock. There was significantly more ingrowth
(p⳱0.012) and attachment of bone (p⬍0.05) to the porous HA surfaces (mean bone ingrowth
29.093Ⳳ2.019%; mean bone attachment 37.287Ⳳ2.489%) as compared to implants with plain
porous surface (mean bone ingrowth 21.762Ⳳ2.068%; mean bone attachment 18.941Ⳳ1.971).
However, no significant difference in bone attachment between implants with plain porous
surface and interlock surface was observed. In addition, no significant differences in the volume
of HA were observed with the passage of time.
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Tonino et al. examined six clinically successful HA-coated cementless acetabular components that were retrieved at autopsy between 3.3 and 6.6 years after implantation [141,142]. All
of the cups showed bone growth onto the implant, with a mean bone-implant contact of 36.5
Ⳳ 13.5%. The extent and thickness of the HA coating were much reduced in the specimens
from old patients and in those associated with a longer duration of implantation. Degradation
of the HA coating by osteoclasts was observed. Loose HA granules were not observed to be
far from the coating, and no adverse tissue reaction to these granules was reported.
Bauer et al. described the histological features of 5-year HA-coated implants, retrieved
at autopsy from three patients who died from non-hip-related causes [13,143,144]. Clinical
performance of all involved implants was good, and the implantation time varied between 4
and 25 months. HA was present on all explants with an average coating thickness of 40 m.
No delamination of coating material and no correlation between coating thickness and implantation time were reported. There was a uniform layer of bone present over the HA coating with
a minimum of 32% and a maximum of 78% circumference. There was a tendency toward more
bone fixation in the distal parts of the coating area. The average area of osseointegration was
greater than 60% of available HA surface. In the 25-month sample, focal areas of osteoclastic
resorption on the HA coating were observed (quantitative less than 10% surface). In these
areas, direct osseointegration between bone and Ti was observed. All HA-coated cups had bony
fixation.
There was a uniform layer of HA coating present until at least 2 years after surgery
[13,143,144]. The lack of correlation between coating thickness and implantation time suggests
minimal early loss of coating to extracellular fluid. It was suggested that once bony coverage
of the coating was obtained, the process of physicochemical dissolution was arrested. However,
a cellular process of coating degradation caused by osteoclastic activity was observed. Some
osteoclastic resportion of HA was seen at 2 years that was replaced by bone. This suggested
that with longer implantation period, the HA coating will be replaced by autologous bone, while
preserving the quality of osseointegration. There was no fibrous tissue formation in these HAresorption areas. Other retrieval studies reported good osseointegration of HA-coated hip
prostheses when implanted in osteoporotic or rheumatoid patients [13,145,146]. Degradation of
the HA coating usually was more pronounced in the proximal femur as compared with the more
cortical middle and distal stem area. There seems to be a relationship between coating degradation
and rate of bone remodeling. The amount and quality of fixation in all retrievals was not altered
by any degradation of the HA coatings.

VI. FUTURE DEVELOPMENTS
At present, there is no standard guideline for plasma spraying coatings on medical devices. It
is known that the advantages of plasma spraying include a rapid deposition rate and sufficiently
low cost [147]. Nevertheless, despite the advantages and the clinical success reported, there are
problems associated with plasma-sprayed coatings, especially HA. These problems include poor
adhesion and variation in bond strength between the coatings and metallic substrates as well as
alterations in HA or CaP structure resulting from the coating process [148,149]. The nature of
the substrate plays an important role in the adhesion between plasma-sprayed coatings and
metallic substrates [26]. The bonding of plasma-sprayed coatings to the metallic substrate appears
to be entirely mechanical in nature, and reports indicate that a highly roughened substrate surface
exhibits higher bond strength than a smooth substrate surface [150].
Several experimental deposition processes are available for producing HA and CaP coatings, including electrophoretic codeposition, sputter deposition, and high velocity oxy-fuel com-
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bustion spray deposition [151–154]. These experimental processes have been developed in an
attempt to improve the adhesive, compositional, and structural properties of the coatings. Cooley
et al., Lacefield et al., and de Groot et al. concluded that sputtering may be the method of choice
for controlling the physical and chemical properties of HA or CaP coatings on dental and
orthopedic implants [15,155,156]. The advantages of RF magnetron sputter coating over other
coating processes include the high adhesion of films, the excellent uniform layers, and the ability
to coat implants with difficult geometries. Studies indicate a significantly greater coating-metal
interfacial strength for sputtered CaP coatings compared to commercially available plasma
sprayed HA coatings (40 MPa vs. 9 MPa) [157]. Another important advantage, especially for
dental implants, is that no grit blasting of the substrate surface is needed, contrary to plasma
spraying [15], In a comparative investigation between sputtered and plasma-sprayed HA coatings
in a canine model, the 1-m-thick HA coating was reported to exhibit significantly more bone
adaptation as compared to 40- or 50-m-thick plasma-sprayed HA implants after 1 month
implantation [66].
Another promising technique is biomineraliztion. Recently, biomemetic HA coating, a
thin calcium phosphate layer of 10 to 30 m thick, has been produced in a supersaturated CaP
solution or stimulated body fluid using precipitation techniques [158,159]. Using a canine model,
a higher bone apposition rate on the biomimetic coating was observed as compared to the plasmasprayed HA coatings after 4 and 8 weeks implantation [13]. In conclusion, new promising
techniques for coating medical devices are continuously being investigated. At present, investigators are exploring nanotechnology and biomimetics in the hope to optimize coating properties
for rapid osseointegration. These evaluations have included better materials characterization,
furthering, understanding bone responses to implant surfaces of different properties, and the use
of various biological factors. Although it has been generally accepted that HA and TPS coatings
improve bone strength and initial osseointegration rate, optimal coating properties required to
achieve maximal bone response are yet to be reported. As such, the use of well-characterized
implant surfaces in cell culture and animal and clinical studies should be well documented to
avoid controversial results.
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I. INTRODUCTION
Recent technology has developed many types of clinically applicable biomaterials. In the
field of bone reconstruction, osteoconductive ceramic materials have been used as artificial
bone graft substitute [1–3]. Many different kinds of ceramics have been used. This chapter
discusses the chemical and physical properties of the ceramics produced by Japanese companies and provides examples of their clinical applications in the field of orthopedics and
craniofacial surgery.
Although the osteoconductive property resides in the ceramics, the ceramics alone do
not have osteogenic abilities, i.e., the ceramics are not osteoinductive. If the ceramics
themselves possessed osteoinductive properties, the expansion of clinical applications of the
ceramics would be assured. Bone morphogenetic protein (BMP) is a protein that demonstrates
osteogenesis when implanted subcutaneously or intramuscularly. Thus, BMP is osteoinductive
[4]. Some authors have reported the usefulness of a BMP/ceramic composite to enhance the
inherent osteogenic ability of BMP [5,6]. In contrast to the utilization of the osteoinductive
activity of BMP, reports of others and ourselves found that composites of marrow cells and
porous materials such as hydroxyapatite (HA) show an osteogenic response when implanted
in vivo [7]. The osteogenic capability of the marrow cells resides not only in fresh marrow
cells, but also in in vitro culture expanded mesenchymal stem cells (MSCs) derived from
the marrow cells [8]. This chapter also focuses on the osteogenic capabilities of MSCs in
combination with ceramics.

II. CHARACTERIZATIONS OF CALCIUM PHOSPHATE CERAMICS IN
JAPAN
A. Hydroxyapatite
The crystalline phase of natural bone is basically hydroxyapatite (HA), and HA ceramics have
been used extensively as a substitute in bone grafts. The ceramics are available as dense or
425
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porous types and the shape types are granular or blocklike. Different pore sizes, porosities, and
strengths are available. Here we describe four types of hydroxyapatite ceramics that are used
clinically:
1. Bonefil (Mitsubishi Materials). These ceramics are porous blocks and porous
granules and are most often used in orthopedics. The sintering temperature is
900⬚C. The compressive strength of porous blocks and porous granules are 15
MPa and 2 to 3 MPa, respectively. The pore shape is spongiose, and the pore
size is 200 to 300 m. The degree of porosity is 60 to 70%.
2. Bonetite (Mitsubishi Materials). These ceramics are porous blocks and dense granules and are most often used in dental surgery. The sintering temperature is 1200⬚C.
The pore shape is spongiose and the pore size is 200 m. The degree of porosity
is 70%.
3. Boneceram (Sumitomo Osaka Cement). Porous block and porous granular types
of these ceramics are available as Boneceram-P. The sintering temperature is
1150⬚C. The compressive strength is 44.1 to 68.6 MPa, and the bending strength
is 12.7 to 19.6 MPa. The pore shape is spherical, and the pore size is 50 to 300
m. The degree of porosity is 35 to 48%. Dense block types of the ceramics
having a high mechanical strength are available as Boneceram-K. The sintering
temperature is 1150⬚C. The bending strength is over 58.8 MPa.
4. Apaceram (Pentax). These ceramics are both dense and porous. The porous ceramic
has a degree of porosity of 15 to 60%. The sintering temperature is 1200⬚C. The
compressive strength and bending strength vary from 16 to 250 MPa and 8 to 47
MPa, respectively. The higher mechanical properties are associated with a decrease
in the degree of porosity (Table 1). The pore shape is spherical. The pore structure
is an interconnected bimodal pore configuration consisting of a combination of
300-m macropores and 2-m micropores (Fig. 1). The dense hydroxyapatite has
a degree of porosity of less than 0.8%. The sintering temperature is 1050⬚C. The
compressive strength and the bending strength are 750 MPa and 210 MPa, respectively (Fig. 2). Clinical applications began in 1985, with about 5000 clinical uses
of Apaceram ceramics (custom-designed porous type plate; Fig. 3) in cranioplasty
since then. The numbers of clinical cases involving spinal surgery and ENT surgery
with ear ossicle substitutes are 70,000 and 20,000, respectively.
All four of these manufactured hydroxyapatite ceramics are essentially nonresorbable.

Table I Mechanical Strength of Porous Type Apaceram
Porosity (%)
15
30
40
50
55
60

Compressive strength (MPa)

Bending strength (MPa)

250
180
66
30
21
16

47
25
16
11
9.5
8

Source: Courtesy of T. Ogawa, Pentax Corp., Tokyo, Japan.
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Figure 1 SEM photographs of macro- and microstructures of Apaceram. (a) The pores (300 m) of
Apaceram are randomly distributed and interconnected. (b) The surface of Apaceram is rough, and the
particles are loosely attached to one another. (Courtesy of T. Ogawa, Pentax Corp., Tokyo, Japan.)

Figure 2 SEM photograph of dense type Apaceram. The surface of dense type Apaceram is very smooth,
and the hydroxyapatite particles are tightly bound. (Courtesy of T. Ogawa, Pentax Corp., Tokyo, Japan.)
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Figure 3 (a) Custom-made design of Apaceram using a three-dimensional computer-assisted design (3D
CAD) model (skull). (b) Computed tomography (CT) of custom-made Apaceram (skull). The white arrows
indicate the custom-made implants. (c) Radiograph of custom-made Apaceram. The Apaceram reconstructed the skull and bonded to the bone. (Courtesy of T. Ogawa, Pentax Corp., Tokyo, Japan.)

B. Tricalcium Phosphate
In contrast to HA ceramics, tricalcium phosphate (TCP) is a resorbable ceramic, and host-derived
new bone can be expected relatively soon after replacement of the implanted ceramic. One
Japanese company has produced TCP ceramics with a high degree of purity:
1. Osferion (Olympus Optical). Osferion is a porous type of ␤-TCP with high degree
of purity. The porosity is 75% and the pore shape is sponge type with an interconnected
bimodal pore structure. The macropore diameter is 100 to 400 m and the micropore
diameter is less than 1 m. The sintering temperature is 950 to 1100⬚C. The compressive strength is very weak, at 2 MPa. Due to the low level of mechanical properties,
the use of this product in high load-bearing areas, such as just beneath the knee joint,
often calls for additional grafting of cancellous bone together with cortical bone and
internal fixation. In addition, compared with the use of other types of ceramics, it is
necessary to delay the start of load bearing. The ceramics are completely resorbed in
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a relatively short time (6 months to a few years) and can be expected as new, regenerated bone tissue appears. If the bone tissue replacement proves promising, these ceramics might be able to be used in load-bearing areas and are expected to be safe for
use in younger, growing patients.
C. HA/TCP Hybrids
As described above, after implantation TCP ceramics can be completely resorbed. However,
because of the high rate of resorption, use of these ceramics is difficult in load-bearing areas.
If we can control the rate of resorption, their range of application can be expanded. One method
of controlling resorption is to make hybrid materials of nonresorbable HA and resorbable TCP
in different ratios.
1. Ceratite (NGK Spark Plug). The composition of Ceratite is 70% HA and 30% TCP.
Ceratite supports the osteogenic action of host bone tissue near the implantation, resulting in new bone formation around the implanted ceramic. The implant bonds directly
with newly formed bone tissue to repair the site of a bone defect, while the TCP in the
Ceratite gradually replaces the bone. Several types of Ceratite ceramics are available;
there are dense and porous blocks as well as granular types with pores (Fig. 4). The
porous ceramics have two different architectures. One type is a fine-pored (micropored)
ceramic with a pore diameter of 1 to 10 m. The other type is a large-pored ceramic
with a pore diameter of 150 to 250 m (Fig. 5). The fine-pored ceramic has a porosity
ratio of 35 to 40%. The sintering temperature is 1100⬚C. The compressive and bending
strengths are 120 to 160 MPa and 30 to 40 MPa, respectively. Compared with the largepored type, the fine-pored type has a high degree of mechanical strength and can be
manufactured into desired shapes. The large-pored type has a porosity ratio of 45 to
55%, and the sintering temperature is 1300⬚C. The compressive and bending strengths
are 20 to 30 MPa and 7 to 10 MPa, respectively. The large-pored type has a bimodal
pore size distribution. The finer porous architecture is in the ceramic matrix. The large
pores have good porous connectivity (interconnection size of 60 to 80 m), giving a
three-dimensional pore structure. The sintering temperature of the dense type of Ceratite
is 1300⬚C. The compressive and bending strengths are 600 to 700 MPa and 140 to 170
MPa, respectively. This data shows that the dense type of Ceratite has the highest degree
of mechanical strength. Two clinical cases, one treated with the granular type and the
other with the dense type, are discussed below.
Case 1: Male, 26 years old (benign bone tumor in the side of the tibia). Ceratite granules
were mixed with autogenous bone chips and implanted in the area of the excised
bone tumor. Eight months after the operation, radiographs showed homogenous
implants (Fig. 6).
Case 2: Male, 53 years old (cerebral aneurysm). Ceratite buttons were implanted for a
burr hole skull defect. The postoperative x-ray showed bone integration around
the ceramic buttons (Fig. 7).
D. Calcium Phosphate Bone Cement
The several types of dense and porous ceramics described above show good osteoconductive
properties. However, those ceramics cannot be molded during the operation. In this regard,
calcium phosphate bone cement (CPC) is easy to handle because it can be formed into any
shape during the operation.

430

Nishikawa and Ohgushi

Figure 4 The different types of Ceratite. (Courtesy of K. Kondo and T. Okura, NGK Spark Plug Co.,
Ltd., Aichi, Japan.)

1. Biopex-R (Mitsubishi Materials). Powders and liquid solvents are mixed during the
operation. The powder consists of ␣–tricalcium phosphate (␣-TCP), tetracalcium
phosphate, calcium hydrogen phosphate dihydrate, hydroxyapatite, and trimagnesium
phosphate octahydrate. The liquid solvent consists of disodium succinate anhydrate,
sodium chondroitin sulfate, and sodium hydrogen sulfide. After mixing, the powders
and solvents become paste. After in vivo implantation of the paste, it sets and the ␣TCP component is resorbed gradually, followed by formation of carbonate apatite
with low crystallinity [9]. Although the set Biopex-R is of the porous type, it is not
an open-pored type. The porosity ratio is 40 to 50%, depending on the ratio of powder
to liquid. Because of the closed porous architecture, the absorbance and replacement
by newly formed bone occurs only on the surface of the Biopex-R, and a long period
is required for it to become completely absorbed in comparison with porous ␤-TCP
ceramic. Biopex-R is an injectable bioactive bone-bonding cement. It is rapid setting
and immediately load bearing. Two days after implantation by the injection method,
the compressive strength is 63.8 MPa, and reaches a maximum of 77.8 MPa. BiopexR can be used to repair ordinary bone defects as well as fractures. Due to its pastelike
properties, which harden after implantation into bone defect sites, Biopex-R can be
used to maintain normal bone architecture after reduction of fractures of bones such
as the radius (metaphyseal areas) [10], tibia plateau, calcaneus [11], and vertebral
body (compression types) [12]. Biopex-R also can also be used for unstable femoral
intertrochanteric fractures with hip screw fixation devices [13].
IV. APPLICATION OF CALCIUM PHOSPHATE CERAMICS IN TISSUE
ENGINEERING
It is well known that mesenchymal stem cells (MSCs) reside in marrow cells [14] and that the
MSCs can differentiate into osteoblasts and produce mineralized bone matrices in in vitro cultures
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Figure 5 SEM photographs of Ceratite. (a) Dense type Ceratite; the hydroxyapatite particles are bound
tightly. (b) Fine pore type Ceratite; the surface is rough and the particles are loosely attached to one
another. (c) Macrostructure of large-pore type of Ceratite; the pores (150–250 m) are interconnected
with each other. (d) Microstructures of large-pore type of Ceratite; the surface is rough and the large
particles are tightly bound to one another. (Courtesy of K. Kondo and T. Okura, NGK Spark Plug Co.,
Ltd., Aichi, Japan.)

in the presence of dexamethasone and ␤-glycerophosphate [15]. The number of MSCs in fresh
marrow is extremely small, but their number can be expanded through the use of culture techniques without loss of their osteogenic potential [16]. When MSCs were cultured in a porous
framework of HA under conditions where the stem cells are able to differentiate into osteoblasts
and form a bone matrix, the porous areas of the HA were covered with a thin layer of in vitro
bone and active osteoblasts [17]. These constructs can show the immediate capability of forming
new bone after in vivo implantation (Fig. 8). Because constructs fabricated with human cultured
MSCs can show promising osteogenic abilities, we initiated clinical applications of different
types of ceramics loaded with in vitro bone tissue/osteoblasts derived from the marrow cells of
patients [18]. These techniques of using a patient’s cultured MSCs can convert nonosteogenic
materials into osteogenic materials, i.e., osteoconductive ceramics could be converted into os-
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Figure 6 X-ray photograph of bone tumor. Case 1: male, 26 years old, with a benign bone tumor in the
side of the tibia. (a) Pre-operation and (b) eight months post-operation. (Courtesy of K. Kondo and T.
Okura, NGK Spark Plug Co., Ltd., Aichi, Japan.)

Figure 7 Clinical application of Ceratite for cranial surgery. Case 2: male, 53 years old, with a cerebral
aneurysm. (a) During operation and (b) post-operation. (Courtesy of K. Kondo and T. Okura, NGK Spark
Plug Co., Ltd., Aichi, Japan.)
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Figure 8 Histological section of composite of mesenchymal stem cells and ceramic material. Implants
were harvested 4 weeks after implantation and stained with hematoxylin and eosin. (a) The white area
indicates the shadow of the hydroxyapatite ceramic (Apaceram). Mature bone tissue is seen in the porous
area. 40 ⳯. (b) Higher magnification of the rectangular area in (a). Many active osteoblasts (arrow) initiate
bone formation. 100 ⳯.

teoinductive ceramics. These new approaches to tissue engineering [19,20] can therefore be
applied to regenerate skeletal tissues in many patients with massive skeletal defects.

IV. CONCLUSIONS
We described the current status of ceramic bone graft substitutes in Japan, especially, in the
field of orthopedics and craniofacial surgery. The ceramic materials available for clinical use
include HA, TCP, HA/TCP hybrids, and CPC. All the materials can exhibit a biocompatible
and an osteoconductive nature. However, these characteristics differ based on their degree of
porosity, pore size, mechanical strength, ability to resorb, etc. We also addressed the approaches
to tissue engineering that make use of composites of mesenchymal stem cells and ceramics.
These approaches to tissue engineering can offer new methods of cell-based therapy for patients
requiring skeletal reconstruction.

ACKNOWLEDGMENTS
We wish to express our appreciation to Mr. T. Ogawa (Pentax Corp.), Mr. Y. Takeuchi and
Mr. N. Asaoka (Mitsubishi Materials Corp.), Dr. K. Kondo and Mr. T. Okura (NGK Spark Plug
Co., Ltd.), Mr. Y. Hakamatsuka and Mr. H. Irie (Olympus Optical Co., Ltd.) and Mr. K. Oomamiuda (Sumitomo Osaka Cement Co., Ltd.) for their generous offering of the data and figures
used in this chapter.

434

Nishikawa and Ohgushi

This work was done by the Three-Dimensional Tissue Module Project, METI (a Millenium
Project) and was also in part supported by the R&D Projects in ‘‘Advanced Support System
for Endoscopic and Other Minimally Invasive Surgery’’ entrusted from the New Energy and
Industrial Technology Development Organization (NEDO) to the Japan Fine Ceramics Center.

REFERENCES

1. Bucholz RW, Carlton A, Holmes RE. Hydroxyapatite and tricalcium phosphate bone graft substitute.
Orthop. Clin. North Am 1987; 18:323–334.
2. Holmes RE, Buchplz RW, Monney V. Porous hydroxyapatite as a bone-graft substitute in metaphyseal
defect. J. Bone. Joint. Surg. Am 1986; 68:904–911.
3. Ishihara K, Arai H, Nakabayashi N, Morita S, Furuya KI. Adhesive bone cement containing hydroxyapatite particles as bone compatible filter. J. Biomed. Mater. Res 1992; 26:937–945.
4. Urist MR. Bone: formation by autoinduction. Science 1965; 150:893–899.
5. Noshi T, Yoshikawa T, Dohi Y, Ikeuchi M, Horiuchi K, Ichijima K, Sugimura M, Yonemasu K,
Ohgushi H. Recombinant human bone morphogenetic protein-2 potentiates the in vivo osteogenic
ability of marrow/hydroxyapatite composites. Artif. Organs 2001; 25:201–208.
6. Takaoka K, Nakahara H, Yoshikawa H, Masuhara K, Tsuda T, Ono K. Ectopic bone induction on
and in porous hydroxyapatite combined with collagen and bone morphogenetic protein. Clin. Orthop
1988; 234:250–254.
7. Ohgushi H, Okumura M, Tamai S, Shors EC, Caplan AI. Marrow cell induced osteogenesis in porous
hydroxyapatite and tricalcium phosphate: a comparative histomorphometric study of ectopic bone
formation. J. Biomed. Mater. Res 1990; 24:1563–1570.
8. Ohgushi H, Dohi Y, Yoshikawa T, Tamai S, Tabata S, Okunaga K, Shibuya T. Osteogenic differentiation of cultured marrow stromal stem cells on the surface of bioactive glass ceramics. J. Biomed.
Mater. Res 1996; 32:341–348.
9. Frankenburg EP, Goldstein SA, Bauer TW, Harris SA, Poser RD. Biomechanical and histological
evaluation of a calcium phosphate cement. J. Bone Joint Surg. Am 1998; 80:1112–1124.
10. Jupiter JB, Winters S, Sigman S, Lowe C, Pappas C, Ladd AL, Van Wagoner M, Smith ST. Repair
of five distal radius fractures with an investigational cancellous bone cement: a preliminary report.
J. Orthop. Trauma 1997; 11:110–116.
11. Thordarson DB, Hedman TP, Yetkinler DN, Eskander E, Lawrence TN, Poser RD. Superior compressive strength of a calcaneal fracture construct augmented with remodelable cancellous bone cement.
J. Bone Joint Surg. Am 1999; 81:239–246.
12. Cornell CN, Lane JM, Chapman M, Merkow R, Seligson D, Henry S, Gustilo R, Vincent K. Multicenter trial of Collagraft as bone graft substitute. J. Orthop. Trauma 1991; 5:1–8.
13. Elder S, Frankenburg E, Goulet J, Yetkinler D, Poser R, Goldstein S. Biomechanical evaluation of
calcium phosphate cement–augmented fixation of unstable intertrochanteric fractures. J. Orthop.
Trauma 2000; 14:386–393.
14. Caplan AI. Mesenchymal stem cells. J. Orthop. Res 1991; 9:641–650.
15. Maniatopoulos C, Sodek J, Melcher AH. Bone formation in vitro by stromal cells obtained from
marrow of young adult rats. Cell. Tissue Res 1988; 254:317–330.
16. Yoshikawa T, Ohgushi H, Tamai S, Ichijima K. Self-setting hydroxyapatite cement as a career for
bone-forming cells. Biomed. Mater. Eng 1996; 6:345–351.
17. Yoshikawa T, Ohgushi H, Akahane M, Tamai S, Ichijima K. Analysis of gene expression in osteogenic
cultured marrow/hydroxyapatite construct implanted at ectopic sites: a comparison with the osteogenic
ability of cancellous bone. J. Biomed. Mat. Res 1998; 41:568–573.
18. Yoshikawa T, Ohgushi H, Uemura T, Nakajima H, Ichijima K, Tamai S, Tateisi T. Human marrow
cells–derived cultured bone in porous ceramics. Biomed. Mater. Eng 1998; 8:311–320.

Calcium Phosphate Ceramics in Japan

435

19. Ohgushi H, Caplan AI. Stem cell technology and bioceramics: from cell to gene engineering. J.
Biomed. Mater. Res 1999; 48:913–927.
20. Bruder SP, Kraus KH, Goldberg VM, Kadiyala S. The effect of implants loaded with autologous
mesenchymal stem cells on the healing of canine segmental bone defects. J. Bone Joint Surg. Am
1998; 80:985–996.

19
Aspects of the Clinical Application of Ni-Ti
and Ni-Ti-Cu Shape Memory Alloys
F. J. Gil and J. A. Planell
Universitat Politècnica de Catalunya
Barcelona, Spain

I. INTRODUCTION
The shape memory effect and superelasticity are related to a thermoelastic martensitic transformation (austenite → martensite) which can be produced either by cooling or be stress induced
[1–5]. Martensite formation can be initiated by cooling the material below Ms, defined as the
temperature at which the martensitic transformation begins. Mf is the temperature at which
martensitic transformation finishes. The transformation is reversible, As being the temperature
at which the reverse austenitic transformation (martensite → austenite) begins upon heating and
Af the temperature at the end of the reverse austenitic transformation. In Fig. 1 can be observed
the microstructure of the martensite in a orthodontic archwire.
When a stress is applied to the parent phase material above its Af temperature, a mechanically elastic martensite is stress induced in alloys which exhibit thermoelastic behavior. That
is, the deformed material reverts to its original shape when the stress is released. This effect is
called superelasticity or pseudoelasticity [6–8]. Figure 2 shows the stress–strain curve for a
superelastic alloy.
The stress necesary to induce the formation of stress-induced martensite (SIM) is a linear
function of temperature. The critical stress, SIM→AUS, increases with increasing temperature,
while the yield stress of the parent phase decreases with increasing temperature. Hence, above
a certain temperature plastic deformation of the austenite occurs before stress-induced martensite
can be formed [9–12].
The size of the hysteresis (i.e., the difference between AUS→SIM and SIM→AUS) reflects
the amount of irreversible process taking place during the formation of stress-induced martensite
[13–16].
When the applied stress is released below As, the produced shape change remains since
reverse rearrangements of twins and martensite variants have not occurred. However, upon
heating through the As to Af temperature range, the material regains its original shape by a
reverse transformation from martensite to austenite. Thus, the original shape of the parent phase
is obtained and the ‘‘deformation’’ of the martensitic phase recovered; this is known as the
shape memory effect [2,3].
It should be noticed that when the alloy is excessively deformed, the martensite is plastically deformed by slip processes and that plastic deformation is, of course, not recoverable on
subsequent heating.
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Figure 1 Martensitic microstructure of the Ni-Ti orthodontic archwire.

When shape memory alloys are thought of as candidates to be applied in medical devices,
they must be able to fullfil functional requirements related not only to their mechanical reliability,
but also to their chemical reliability (in vivo degradation, decomposition and dissolution, corrosion, etc.) and their biological reliability (biocompatibility, cytoxicity, carcinogenicity, antithrombogenicity, antigenicity, etc.). Nickel–titanium (Ni-Ti) is the most important shape memory

Figure 2 Stress–strain curve of superelastic alloy.
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Table I Chemical Composition of Ni-Ti Wires
Alloy

Ni (wt%)

Ti (wt%)

1
2
3
4
5
6
7

55.8 ⫾ 0.2
69.3 ⫾ 0.1
69.4 ⫾ 0.1
69.6 ⫾ 0.2
64.6 ⫾ 0.3
62.4 ⫾ 0.2
63.0 ⫾ 0.1

44.1 ⫾ 0.3
30.7 ⫾ 0.2
30.6 ⫾ 0.2
30.3 ⫾ 0.2
36.4 ⫾ 0.2
37.6 ⫾ 0.1
37.0 ⫾ 0.1

alloy used as a biomaterial—that is to say, a material that comes into contact with and is tolerated
by the living tissues, without any deterioration in its properties and in its specific function after
implantation. However, besides internal applications, Cu-based shape memory alloys can be
used in external biomedical devices where no biocompatibility requirements need to be fullfilled
[17–21].
Nickel–Titanium alloy combines the characteristics of shape memory effect and superelasticity with excellent corrosion resistance, wear characteristics, and mechanical properties and
good biocompatibility. These properties make it an ideal biological engineering material, especially in orthopedic surgery and orthodontics. Some possible applications of shape memory
alloys are connectors, temperature control devices, orthodontic dental archwires, intracranial
aneurism clips, vena cava filters, contractile artificial muscles for an artificial heart, orthopedic
implants, and other medical devices [22–40].
In most clinical applications the device may be heat treated, and during its life in service
it will be cyclically deformed and will be thermally cycled. It is therefore important to investigate
the effect of thermal cycles and cyclic strainning and heat treatment upon transformation stresses
and material temperatures.

II. EFFECT OF COPPER ADDITION ON Ni-Ti
Nickel–titanium and Ni-Ti-Cu alloys with different chemical compositions (Tables 1 and 2,
respectively) were studied. The transformation temperatures were measured by means of a
calorimeter, and the stress–strain curves were used to obtain the residual deformation values
and the critical stress required to induce the martensitic transformation and their variations with
the number of cycles. The transformation temperatures were determined after different numbers
of cycles.

Table 2 Chemical Composition of Ni-Ti-Cu Alloys
Alloy

Ni (wt%)

Ti (wt%)

Cu (wt%)

1
2
3
4
5

49.0 ⫾ 0.1
49.1 ⫾ 0.1
49.5 ⫾ 0.3
49.6 ⫾ 0.1
49.9 ⫾ 0.2

45.6 ⫾ 0.2
45.2 ⫾ 0.1
45.0 ⫾ 0.1
45.0 ⫾ 0.2
45.1 ⫾ 0.2

5.4 ⫾ 0.1
5.7 ⫾ 0.2
5.5 ⫾ 0.1
5.4 ⫾ 0.2
5.0 ⫾ 0.1

440

Gil and Planell

Table 3 Transformation Temperatures and Thermal Hysteresis (°C) for the Ni-Ti Alloys Studied
Alloy
1
2
3
4
5
6
7

Ms

Mf

As

Af

⌬T0

27.2 ⫾ 0.3
23.3 ⫾ 0.2
22.4 ⫾ 0.4
20.7 ⫾ 0.1
10.9 ⫾ 0.2
23.6 ⫾ 0.3
12.4 ⫾ 0.4

16.1 ⫾ 0.4
1.2 ⫾ 0.3
14.2 ⫾ 0.6
⫺5.0 ⫾ 0.4
⫺9.0 ⫾ 0.3
⫺1.4 ⫾ 0.3
⫺13.4 ⫾ 0.1

20.0 ⫾ 0.1
5.1 ⫾ 0.4
20.1 ⫾ 0.3
⫺1.1 ⫾ 0.2
⫺2.2 ⫾ 0.2
5.1 ⫾ 0.4
7.3 ⫾ 0.5

32.3 ⫾ 0.7
28.4 ⫾ 0.5
26.5 ⫾ 0.9
26.1 ⫾ 0.8
15.2 ⫾ 0.7
28.1 ⫾ 0.6
16.2 ⫾ 0.9

10.1
10.3
10.5
11.1
12.1
10.9
11.2

The addition of even small concentrations of many third elements to Ni-Ti results in a
large change in the Ms temperature such that controllable adjustments of Ms are not easily
achieved [13–16]. In contrast, substitution of even large concentrations of Cu do not change
the Ms temperature significantly. Tables 3 and 4 show the transformation temperatures and
thermal hysteresis for different Ni-Ti and Ni-Ti-Cu shape memory alloys of different chemical
compositions [41,42].
From these results it can be noticed that small chemical composition changes produce
large variations in the transformation temperatures for Ni-Ti alloys: a variation of 0.6% in Ni
(alloy 6: 62.4% in Ni; alloy 7: 63.0% in Ni) produces a change in the Ms temperature of 11.2⬚C
(alloy 6: Ms⳱ 23.6⬚C; alloy 7: Ms⳱ 12.4⬚C). However, for Ni-Ti-Cu alloys (Cu content ranges
usually between 5 and 10%) the transformation temperatures are much more stable in relation
to changes in the chemical composition. In this case, a variation of 0.6% in Ni (alloy 1: 49.0%
in Ni; alloy 4: 49.6% in Ni) produces a change in the Ms temperature of 0.8⬚C (alloy 1: Ms;
18.7⬚C alloy 4: Ms⳱ 17.9⬚C). Moreover, although Ms is insensitive to the substitution of Ni
by Cu, Ms decreases as Cu substitutes Ti. The presence of Cu also makes the Ms temperature
less sensitive to variations in the Ni-Ti ratio. A lower concentration dependent Ms allows for
easier production of commercial quantities of materials having a controlled Ms for thermal sensor
and actuator uses.
Calorimetric measurements indicate that alloys with copper have substantially narrower
hysteresis than the binary alloy. Tables 3 and 4 list the hysteresis values (⌬T0), measured as the
temperature difference between the peaks on the calorimetric curves upon heating and cooling. It
can be seen that this hysteresis is reduced from around 10⬚C for the binary alloy to less than
4.5⬚C for material with copper. Further Cu addition decreases the hysteresis only slightly, with
a 5.7% Cu alloy having a width of only 3.5⬚C.
The transformation stresses (␤↔stress induced martensite) are shown in Table 5. A stress
hysteresis is associated with the transformation, as the diferrence between the critical stresses

Table 4 Transformation Temperatures and Thermal Hysteresis (°C) for the Ni-Ti-Cu Alloys Studied
Alloy
1
2
3
4
5

Ms

Mf

As

Af

⌬To

18.7 ⫾ 0.1
17.8 ⫾ 0.5
16.2 ⫾ 0.4
17.9 ⫾ 0.3
17.6 ⫾ 0.2

2.1 ⫾ 0.2
1.7 ⫾ 0.3
2.0 ⫾ 0.4
1.9 ⫾ 0.6
2.3 ⫾ 0.7

14.0 ⫾ 0.2
13.8 ⫾ 0.2
13.2 ⫾ 0.2
14.3 ⫾ 0.4
14.2 ⫾ 0.4

37.1 ⫾ 0.6
37.0 ⫾ 0.8
36.8 ⫾ 0.8
36.9 ⫾ 0.9
37.0 ⫾ 1.0

4.5
3.5
3.7
3.9
4.4
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Table 5 Critical Stresses at Different Test Temperatures
NiTi
␤→SIM (MPa)
Alloy
1
2
3
4
5

NiTiCu
SIM→␤ (MPa)

␤→SIM (MPa)

SIM→␤ (MPa)

20°C

37°C

20°C

37°C

20°C

37°C

20°C

37°C

230 (15)
235 (23)
247 (18)
260 (12)
280 (12)

320 (22)
331 (29)
333 (32)
350 (20)
354 (23)

65 (9)
70 (8)
77 (7)
79 (3)
80 (5)

151 (19)
155 (24)
156 (18)
166 (18)
160 (12)

150 (17)
155 (22)
160 (32)
154 (3)
159 (6)

287 (24)
291 (34)
299 (31)
290 (21)
287 (16)

55 (5)
60 (10)
65 (32)
59 (7)
61 (12)

211 (19)
215 (23)
216 (9)
216 (17)
214 (23)

Standard deviation in parentheses.

(stress for inducing martensitic transformation due to loading and the reverse transformation
upon unloading). This stress hysteresis is much narrower for Ni-Ti-Cu alloys (艑70 MPa) than
for the binary alloys (艑150 MPa). The narrower hysteresis of Ni-Ti-Cu alloys has practical
importance in engineering applications requiring a fast response time on thermal cycling. Besides, the narrower stress hysteresis of Ni-Ti-Cu means that for a similar process condition, the
unloading or reversion stress is higher. The stored energy density in the Ni-Ti-Cu superelastic
material is correspondingly higher than that of the binary alloy.
The magnitude of the stress is very important when the bone must be remodeled, as for
example in orthodontics: the elastic deformation of an orthodontic wire and the subsequent
release of its elastic energy over a period of time gives rise to the correcting forces. It is generally
assumed that optimal tooth movement is achieved by applying forces that are low in magnitude
and continuous in nature. Such forces minimize tissue destruction and produce a relatively
constant stress in the periodontal ligament during tooth movement. The superelasticity of NiTi and Ni-Ti-Cu archwires allows the orthodontist to apply an almost continuous light force
with larger activations, which results in the reduction of tissue trauma and the patient discomfort,
thus facilitating enhanced tooth movement.
In contrast, forces that are high in magnitude encourage hyalinization of the periodontal
ligament and may cause irreversible tissue damage such as root resorption. The Ni-Ti archwires
produce teeth movement with greater efficiency and in a shorter time when compared to other
orthodontic alloys, and it is especially appropriate in situations requiring large deflections of an
orthodontic archwire such as a preliminary bracket alignment stage in the load deflection stage
in orthodontic therapy [3–10].

III. EFFECT OF LOAD CYCLING
Different numbers of fatigue cycles were applied up to 3% of maximum strain controlled by
means of extensometry with R⳱0 and 1 Hz. The stress–strain curves were used to obtain the
residual deformation values and the critical stress required to induce the martensitic transformation and their variations with the number of cycles. The transformation temperatures were determined after different numbers of cycles.
The stress–strain curves at different numbers of cycles were used to obtain the variation
of the critical stress necessary to produce the superelastic effect and to determine the optimal
working stress for the alloy. A relevant result obtained is that in contrast to what happens in
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Figure 3 Mechanical hysteresis versus the number of load cycles.

Ni-Ti alloys, Ni-Ti-Cu alloys show stable superelasticity characteristics when cyclically loaded
with small stress hysteresis. It is clear that the hysteresis is smaller and the change of stress–strain
curve by cyclic deformation is more stable in the Ni-Ti-Cu alloy, as can be observed in Fig. 3.
Figure 4 shows the critical stress required to induce the martensitic transformation as a
function of the number of cycles. From the results shown in Fig. 4 it can be noticed that the
critical stress required to induce the martensitic transformation decreases with the number of
cycles up to saturation for the Ni-Ti, while the Ni-Ti-Cu does not present any changes [42,43].
It should be emphasized that above a certain number of cycles, about 50 load/unload
cycles in this case, the critical stress for Ni-Ti alloys reaches saturation. This suggests that the

Figure 4 Transformation stress versus the number of cycles for Ni-Ti and Ni-Ti-Cu shape memory alloys.

Ni-Ti and Ni-Ti-Cu Shape Memory Alloys

443

transformation is stabilized around a practically constant stress and, even more important, this
occurs at a relatively low number of cycles. The results of the transformation temperatures in
relation to the load cycles are shown in Fig. 5. It was observed that the transformation temperature
to martensite, increases and the transformation stress decreases with the number of cycles. Such
decrease in the transformation stress may be understood by the arresting of martensitic plates
by dislocations, inducing the nucleation of new plates at Ms and producing an increase in the
transformation temperature.
The increase in the As temperature is also shown; the reason for this is that the sample
contains a large amount of stabilized martensite when the load cycles increase. The Mf and Af
are practically constant in relation to the number of cycles. For Ni-Ti-Cu, the transformation

Figure 5 Transformation temperatures versus the number of cycles.
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temperatures are kept constant with the load cycles. The above results of the small stress hysteresis and the stability against cyclic loading suggest that the interface between the parent and
martensitic phases can move easily without producing a large amount of defects such as dislocations. This is reasonable when considering the fact that the habit plane of the Ni-Ti-Cu alloy is
plain since the lattice invariant shear is not necessary in order to form the habit plane in this
alloy, whose crystal structure is orthorhombic [5,7,41,45].
It is assumed that optimal movement is achieved when the applied force is low, stable,
and continuous in order to minimize tissue destruction and to produce a constant stress on the
tissues. The present results seem to provide a material where the control of the applied forces
by the doctor can be successfully achieved.

IV. THERMAL CYCLING EFFECTS
The samples were thermally cycled at 300 and 37⬚C both for 10 min followed by cooling in
water at 20⬚C. Transformation temperatures were determined at different numbers of thermal
cycles.
For the samples cycled up to 100,000 cycles between 37 and 20⬚C, the transformation
temperatures do not change with thermal cycling. The temperatures are low to produce aging
effects. However, for the samples cycled between 300 and 20⬚C, small changes in the transformation temperatures are observed.
The thermal cycling effect on the transformation temperatures of the samples cycled at
300⬚C is shown in Fig. 6, where Ms and As are plotted against the number of cycles. All the
samples studied show a light decrease of Ms during thermal cycling, while As increases with
the number of cycles. Miyazaki et al. [50,51] studied the thermal cycling effects by means of
transmission electron microscopy. The observation of the samples revealed fine Ti3Ni4 precipitates. These precipitates can be formed in Ni-Ti alloys with more than 50.5% at%Ni [46,47].
When these precipitates are formed the titanium content decreases into the parent phase, and

Figure 6 Variation of the transformation temperatures as a function of the thermal cycles.
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Figure 7 Evolution of the hardness with different heat treatment times and temperatures.

consequently the Ms temperature decreases as thermal cycling takes place. The increase of As
can be explained by the obstruction of the precipitates to the martensitic plates’ contraction
when the sample is heated.

V. EFFECT OF AGING
The aging of these austenitic specimens produced different degrees of decomposition depending
on the temperature and the heating time. The hardness evolution with the annealing time is
shown in Fig. 7 [42,43]. The aging in the austenitic phase of the Ni-Ti alloy is observed at
high temperatures (500 and 600⬚C), producing an increase in hardness of the samples. At each
temperature the curve of hardness verses heating time shows a sigmoidal shape, indicating that
the precipitation occurs by a nucleation and growth process controlled by atom diffusion. The
heat treatment at 120⬚C shows a constant value of hardness due to the low temperature for
starting the precipitation process. This hardening is produced by the precipitation of Ti11Ni14.
This precipitation produces an important variation in the chemical composition and consequently in the temperatures and the stresses of the transformation [42,43]. At 6 h of heat treatment
at 500 and 600⬚C, the precipitation reaches completion as shown by the high hardness saturation
value (370 HV). The microstructure obtained at high annealing temperatures is shown in Fig.
8. A relevant finding is that under these circumstances the alloy loses its shape memory and
superelastic properties, the reason being the important chemical composition variation. However,
these properties can be recovered by means of a heat treatment at 900⬚C for 30 min, which is
able to dissolve the precipitates.

ACKNOWLEDGMENTS
The authors are grateful to CICYT for the financial support of this study with reference MAT
98–0415.

446

Gil and Planell

Figure 8 Microstructure of the Ni-Ti alloy, where the Ti11Ni14 precipitates are shown.
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Memory Alloys Duering TW, Melton KN, Stöckel D, Wayman CM, eds. London: ButterworthHeinemann, 1990:21–35.
18. Lu S. Medical applications of NiTi alloys in China. In Shape Memory in Engineering: Aspects of
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36. Miura F, Mogi M, Ohura Y, Karibe M. The superelastic Japanese NiTi alloy wire for use in orthodontics. Am. J. Orthod. Dentofac. Orthop 1988; 94(2):89–96.

448

Gil and Planell

37. Burstone CJ, Qin B, Morton JY. NiTi archwire a new orthodontic alloy. Am J Orthod 1985; 87(6):
445–452.
38. Libenson C, Gil FJ, Planell JA. Etude des caractéristiques des fils NiTi à usage orthodontique. Revue
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