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HARD	TISSUE	REPLACEMENTS	

[Adopted from: Joseph D. Bronzino, “Biomedical Engineering 
Fundamentals”, CRC Press, third edition, 2006, Section V, 

CHAPTER 45, by S.H. Park, A. Llinas, V.K Goel, J.C. Keller.] 
 
45.1 Bone Repair and Joint Implants  
[S-H. Park, A. Llinás, and V.K. Goel] 

The use of biomaterials to restore the function of traumatized or degenerated 
connective tissues and thus improve the quality of life of a patient has become 
widespread. In the past, implants were designed with insufficient cognizance of 
biomechanics. Accordingly, the clinical results were not very encouraging. An 
upsurge of research activities into the mechanics of joints and biomaterials has 
resulted in better designs with better in vivo performance. The improving long-term 
success of total joint replacements for the lower limb is testimony to this. As a 
result, researchers and surgeons have developed and used fixation devices for the 
joints, including artificial spine discs. A large number of devices are also available 
for the repair of the bone tissue. This chapter provides an overview of the 
contemporary scientific work related w the use of biomaterials for the repair of bone 
(e.g., fracture) and joint replacements ranging from a hip joint to a spine. 

45.1.1 Long Bone Repair 

The principal functions of the skeleton are to provide a frame to support the organ-
systems, and to determine the direction and range of body movements. Bone 
provides an anchoring point (insertion), for most skeletal muscles and ligaments. 
When the muscles contract, long bones act as levers, with the joints functioning as 
pivots, to cause body movement. 

Bone is the only tissue able to undergo spontaneous regeneration and to remodel its 
micro- and macro structure. This is accomplished through a delicate balance 
between an osteogenic (bone forming) and osteoclastic (bone removing) process 
[Brighton. 1984]. Bone can adapt to a new mechanical environment by changing the 
equilibrium between osteogenesis and osteoclasis. These processes will respond to 
changes in the static and dynamic stress applied to bone; that is, if more stress than 
the physiological is applied, the equilibrium tilts toward more osteogenic activity. 
Conversely, if less stress is applied the equilibrium tilts toward osteoclastic activity 
(this is known as Wolff’s Law of bone remodeling) [Wolff. 1986]. 

Nature provides different types of mechanisms to repair fractures in order to be able 
to cope with different mechanical environments about a fracture [Hulth, 1989; 
Schenk, 1992]. For example, incomplete fractures (cracks), which only allow 
micromotion between the fracture fragments heal with a small amount of fracture-
line callus, known as primary healing. In contrast, complete fractures which are 
unstable, and therefore generate macromotion, heal with a voluminous callus 
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stemming from the sides of the bone, known as secondary healing [Brighton, 1984; 
Hulth, 1989]. 

The goals of fracture treatment are obtaining rapid healing, restoring function, and 
preserving cosmesis without general or local complications. Implicit in the selection 
of the treatment method is the need to avoid potentially deleterious conditions, for 
example, the presence of excessive motion between bone fragments which may 
delay or prevent fracture healing [Brighton, 1984; Brand and Rubin, 1987]. 

Each fracture pattern and location results in a unique combination of characteristics 
(“fracture personality”) that require specific treatment methods. The treatments can 
be non-surgical or surgical. Examples of non-surgical treatments are immobilization 
with casting (plaster or resin) and bracing with a plastic apparatus. The surgical 
treatments are divided into external fracture fixation, which does not require 
opening the fracture site, or internal fracture fixation, which requires opening the 
fracture. 

With external fracture fixation, the bone fragments are held in alignment by pins 
placed through the skin onto the skeleton, structurally supported by external bars. 
With internal fracture fixation, the bone fragments are held by wires, screws, plates, 
and/or intramedullary devices. Figure 45.la,b show radiographs of externally and 
internally fixed fractures. 

All the internal fixation devices should meet the general requirement of biomaterials, 
that is, biocompatability, sufficient strength within dimensional constraints, and 
corrosion resistance. In addition, the device should also provide a suitable 
mechanical environment for fracture healing. From this perspective, stainless steel, 
cobalt—chrome alloys, and titanium alloys are most suitable for internal fixation. 
Detailed mechanical properties of the metallic alloys are discussed in the chapter on 
metallic biomaterials. Most internal fixation devices persist in the body after the 
fracture has healed, often causing discomfort and requiring removal. Recently, 
biodegradable polymers, for example, polylactic acid (PLA) and polyglycolic acid 
(PGA), have been used to treat minimally loaded fractures, thereby eliminating the 
need for a second surgery for implant removal. A summary of the basic application 
of biomaterials in internal fixation is presented in Table 45.1. A description of the 
principal failure modes of internal fixation devices is presented in Table 45.2. 
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TABLE 45.1 Biomaterials Applications in Internal Fixation 

 

TABLE 45.2 Failure Mode of Internal Fixation Devices 

 

45.1.1.1 Wires. Surgical wires are used to reattach large fragments of bone, like the 
greater trochanter, which is often detached during total hip replacement. They are 
also used to provide additional stability in long-oblique or spiral fractures of long 
bones which have already been stabilized by other means (Figure 45.1 b). Similar 
approaches, based on the use of wires, have been employed to restore stability in the 
lower cervical spine region and in the lumbar segment as well (Figure 45.lc). 
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(a)  (b)  

c)  
FIGURE 45.1 Radiographs of (a) tibial fracture fixed with four pins and an external bar; 

(b) a total hip joint replacement in a patient who sustained a femoral fracture and was 
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treated with double bone plates, screws, and surgical wire (arrows); (c) application of 
wires, screws, and plates in the spine. 

Twisting and knotting is unavoidable when fastening wires to bone; however, by 
doing so, the strength of the wire can be reduced by 25% or more due to stress 
concentration [Tencer et al., 1993]. This can be partially overcome by using a 
thicker wire, since its strength increases directly proportional to its diameter. The 
deformed regions of the wire are more prone to corrosion than the un-deformed 
because of the higher strain energy. To decrease this problem and ease handling, 
most wires are annealed to increase the ductility. 

Braided multistrain (multifilament) wire is an attractive alternative because it has a 
similar tensile strength than a monofilament wire of equal diameter, but more 
flexibility and higher fatigue strength [Taitsman and Saha, 1977]. However, bone 
often grows into the grooves of the braided multistrain wire, making it exceedingly 
difficult to remove, since it prevents the wire from sliding when pulled. When a 
wire is used with other metallic implants, the metal alloys should be matched to 
prevent galvanic corrosion [Park and Lakes, 1992]. 

45.1.1.2 Pins. Straight wires are called Steinmann pins; however if the pin diameter 
is less than 2.38 mm, it is called Kirschner wire. They are widely used primarily to 
hold fragments of bones together provisionally or permanently and to guide large 
screws during insertion. To facilitate implantation, the pins have different tip 
designs which have been optimized for different types of bone (Figure 45.2). The 
trochar tip is the most efficient in cutting; hence, it is often used for cortical bone.  

The holding power of the pin comes from elastic deformation of surrounding bone. 
In order to increase the holding power to bone, threaded pins are used. Most pins 
are made of 316L stainless steel; however, recently, biodegradable pins made of 
polylactic or polyglycolic acid have been employed for the treatment of minimally 
loaded fractures. 

The pins can be used as part of elaborate frames designed for external fracture 
fixation (Figure 45. la). In this application, several pins are placed above and below 
the fracture, but away from it. After the fracture fragments are manually 
approximated (reduced) to resemble the intact bone, the pins are attached to various 
bars, which upon assembly will provide stability to the fracture. 
45.1.1.3 Screws. Screws are the most widely used devices for fixation of bone 
fragments. There are two types of bone screws: (1) cortical bone screws, which 
have small threads, and (2) cancellous screws, which have large threads to get more 
thread-to-bone contact. They may have either V or bttress threads (Figure 45.3). 
The cortical screws are subclassified further according to their ability to penetrate, 
into self-tapping and non- self-tapping (Figure 45.3). The self-tapping screws have 
cutting flutes which thread the pilot drill-hole during insertion. In contrast, the non-
self-tapping screws require a tapped pilot drill-hole for insertion.  

The holding power of screws can be affected by the size of the pilot drill-hole, the 
depth of screw engagement, the outside diameter of the screw, and quality of the 
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bone [Cochran. 1982; DeCoster et al., 1990]. Therefore, the selection of the screw 
type should be based on the assessment of the quality of the bone at the time of 
insertion. Under identical conditions, self-tapping screws provide a slightly greater 
holding power than non-self-tapping screws [Tencer et al., 1993]. 

Screw pullout strength varies with time after insertion in vivo, and it depends on the 
growth of bone into the screw threads and/or resorption of the surrounding bone 
[schatzker Jt al., 1975]. The bone immediately adjacent to the screw often 
undergoes necrosis initially, but if the screw is firmly fixed, when the bone 
revascularizes, permanent secure fixation may be achieved. This is particularly true 
for titanium alloy screws or screws with a roughened thread surface, with which 
bone ongrowth results in an increase in removal torque [Hutzschenreuter and 
Brümmer, 1980]. When the screw is subject to micro- or macro-movement, the 
contacting bone is replaced by a membrane of fibrous tissue, the purchase is 
diminished, and the screw loosens. 

The two principal applications of bone screws are (1) as interfragmentary fixation  
devices to “lag” or fasten bone fragments together. or (2) to attach a metallic plate 
to bone. lnterfragmentary fixation is used in most fractures involving cancellous 
bone and in those oblique fractures in cortical bone. In order to bg the fracture 
fragments, the head of the screw must engage the cortex on the side of insertion 
without gripping the bone, while the threads engage cancellous bone andior the 
cortex on the opposing side. When screws are employed for bone plate fixation, the 
bone screw threads must engage both cortices. Screws are also used for the fixation 
of spine fractures (for plaie fixation or compression of bone fragment; Figure 45.lc). 

 

(a)          (b)  

FIGURE 45.2 Types of metallic pin tip: (a) trochar end and (b)diamond end. 
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(a)   (b)  

FIGURE 45.3 Bone screws: (a) a self-tapping V-threaded (has a cutting flute), and (b) a 
non-self-tapping, buttress threaded screw. 

 

45.1.1.4 Plates. Plates are available in a wide variety of shapes and are intended to 
facilitate fixation of bone fragments. They range from the very rigid, intended to 
produce primary bone healing, to the relatively flexible, intended to facilitate 
physiological loading of bone. 

The rigidity and strength of a plate in bending depend on the cross-sectional shape 
(mostly thickness) and material of which it is made. Consequently the weakest 
region in the plate is the screw hole, especially if the screw hole is left empty, due to 
a reduction of the cross-sectional area in this region. The effect of the material on 
the rigidity of the plate is defined by the elastic modulus of the material for bending, 
and by the shear modulus for twisting (Cochran, 1982J. Thus, given the same 
dimensions, a titanium alloy plate will be less rigid than a stainless steel plate, since 
the elastic modulus of each alloy is 110 and 200 GPa, respectively. 

Stiff plates often shield the underlying bone from the physiological loads necessary 
for its healthful existence [Perren et al., 1988; O’Slullivan et al,. 1989]. Similarly, 
flat plates closely applied to the bone prevent blood vessels from nourishing the 
outer layers of the bone [Perren, 1988]. For these reasons, the current clinical trend 
is to use more flexible plates (titanium alloy) to allow micromotion, and low-contact 
plates (only a small surface of the plate contacts the bone, LCP), to allow 
restoration of vascularity to the bone [Uhthoff and Finnegan. 1984; Claes, 1989]. 
The underlying goals of this philosophical change are to increase the fracture 
healing rate, to decrease the loss of bone mass in the region shielded by the plate, 
and consequently, to decrease the incidence of re-fractures which occur following 
plate removal. 
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The interaction between bone and plate is extremely important since the two are 
combined into a composite structure. The stability of the plate-bone composite and 
the service life of the plate depend upon accurate fracture reduction. The plate is 
most resistant in tension: therefore, in fractures of long bones, the plate is placed 
along the side of the bone which is typically loaded in tension. Having excellent 
apposition of the bone fragmen, as well as developing adequate compression 
between them, is critical in maintaining the stability of the fixation and preventing 
the plate from repetitive bending and fatigue failure. Interfragmentary compression 
also creates friction at the fracture surface. increasing resistance to torsional loads 
[Perren, 1991; Tencer e al, 1993]. On the contrary, too much compression causes 
microfractures and necrosis of contacting bone due to the collapse of vesicular 
canals. 

 

FIGURE 45.4 Principle of a dynamic compression plate for fracture fixation. During 
tightening a screw, the screw head slides down on a ramp in a plate screw hole which 

results in pushing the plate away from a fracture end and compressing the bone 
fragments together. 

Compression between the fracture fragments can be achieved with a special type of 
plate called a dynamic compression plate (DCP). The dynamic compression plate 
has elliptic shape screw holes with its long axis oriented parallel to that of the plate. 
The screw hole has a sliding ramp to the long axis of the plate. Figure 45.4 explains 
the principle of the dynamic compression plate. Bone plates are often contoured in 
the operating room in order to conform to an irregular bone shape to achieve 
maximum contact of the fracture fragments. However, excessive bending decreases 
the service life of the plate. The most common failure modes of a bone plate-screw 
fixation are screw loosening and plate failure. The latter typically occurs through a 
screw hole due to fatigue and/or crevice corrosion [Weinstein et al., 1979]. 
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FIGURE 45.5 Bone plates: (a) dynamic compression plate. (b) hybrid compression plate 
(lower part has dynamic compression screw holes). (c) reconstruction bone plate (easy 

contouring). (d) buttress bone plate. (e) L shaped buttress plate. (f) nail plate (for 
condylar fracture), and (g) dynamic compression hip screw. 

In the vicinity of the joints, where the diameter of long bones is wider, the cortex 
thinner, and cancellous bone abundant, plates are often used as a buttress or 
retaining wall. A buttress plate applies force to the bone perpendicular to the surface 
of the plate, and prevents shearing or sliding at the fracture site. Buttress plates are 
designed to fit specific anatomic locations and often incorporate other methods of 
fixation besides cortical or cancellous screws, for example, a large lag screw or an 
I-beam. For the fusion of vertebral bodies following diskectomy, spinal plates are 
used along with bone grafts. These plates are secured to the vertebral bodies using 
screws (Figure 45.lc). Similar approaches have been employed to restore stability in 
the thoracolumbar and cervical spine region as well. Figure 45.5 illustrates a variety 
of types of bone plates. 

45.1.1.5 Intramedullary Nails. Intramedullary devices (IM nails) are used as 
internal struts to stabilize long bone fractures. IM nails are also used for fixation of 
femoral neck or intertrochanteric bone fractures; however, this application requires 
the addition of long screws. A gamut of designs are available, going from solid to 
cylindrical, with shapes such as cloverleaf, diamond, and “C” (slotted cylinders). 
Figure 45.6 shows a variety of intramedullary devices. 

Compared to plates, IM nails are better positioned to resist multi-directional 
bending than a plate or an external fixator, since they are located in the center of the 
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bone. However, their torsional resistance is less than that of the plate [Cochran, 
1982]. Therefore, when designing or selecting an IM nail, a high polar moment of 
inertia is desirable to improve torsional rigidity and strength. The torsional rigidity 
is proportional to the elastic modulus and the moment of inertia. For nails with a 
circular cross-section, torsional stiffness is proportional to the fourth power of the 
nail’s radius. The wall thickness of the nail also affects the stiffness. A slotted, open 
section nail is more flexible in torsion and bending, and it allows easy insertion into 
a curved medullary canal for example, that of the femur [Tencer, 1993]. However, 
in bending, a slot is asymmetrical with respect to rigidity and strength. For example, 
a slotted nail is strongest when bending is applied so that the slot is near the neutral 
plane; the nail is weakest when oriented so that the slot is under tension. 

 

FIGURE 45.6 Intramedullary devices: (a) Gross-Kempf (slotted). (b) Unillex (Ti alloy. 
slotted). (c) Kuntscher (d) Samson. (e) Harris. (f) Brookcr-Wills distal locking pin, and 

(g) Enders pins. 

In addition to the need to resist bending and torsion, it is vital for an IM nail to have 
a large contact area with the internal cortex of the bone to permit torsional loads to 
be transmitted and resisted by shear stress. Two different concepts are used to 
develop shear stress: (1) a three-point, high pressure contact, achieved with the 
insertion of curved pins, and (2) a positive interlocking between the nail and 
intramedullary canal, to produce a unified structure. Positive interlocking can be 
enhanced by reaming the intramedullary canal. Reaming permits a larger, longer, 
nail-bone contact area and allows the use of a larger nail, with increased rigidity and 
strength [Kessler et al, 1986]. 
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The addition of screws through the bone and nail,proximal and distal to the fracture, 
known as interlocking, increases torsional stability and prevents shortening of the 
bone, especially in unstable fractures 

[Perren, 1989]. The IM nail which has not been interlocked allows interfragmentary 
compressive force due to its low resistance to axial load. Another advantage of IM 
nails is that they do not require opening the fracture site, since they can be inserted 
through a small skin incision, typically located in one extreme of the bone. The 
insertion of an intramedullary nail, especially those that require reaming of the 
medullary canal, destroys the intrarnedullary vessels which supply two thirds of the 
cortex. However, this is not of clinical significance because revascularization occurs 
rapidly [Kessler et al., 1986; O’Slullivan et al., 1989]. 

45.1.2 Joint Replacements 

Our ability to replace damaged joints with prosthetic implants has brought relief to 
millions of patients who would otherwise have been severely limited in their most 
basic activities and doomed to a life in pain. It is estimated that about 16 million 
people in the United States are affected by osteoarthritis, one of the various 
conditions that may cause joint degeneration and may lead a patient to a total joint 
replacement.  

Joint degeneration is the end-stage of a process of destruction of the articular 
cartilage, which results in severe pain, loss of motion, and occasionally, an angular 
deformity of the extremity [Buckwalter et al., 1993]. Unlike bone, cartilage has a 
very limited capacity for repair [Salter, 1989]. Therefore, when exposed to a severe 
mechanical, chemical, or metabolic injury, the damage is permanent and often 
progressive. 

Under normal conditions, the functions of cartilage are to provide a congruent 
articulation between bones, to transmit load across the joint, and to allow low-
friction movements between opposing joint surfaces. The sophisticated way in 
which these functions are performed becomes evident from some of the mechanical 
characteristics of normal cartilage. For example, due to the leverage geometry of the 
muscles and the dynamic nature of human activity, the cartilage of the hip ¡s 
exposed to about eight times body weight during fast walking [Paul, 1976]. Over a 
period of 10 years, an active person may subject the cartilage of the hip to more 
than 17 million weight bearing cycles [Jeffery, 1994]. From the point of view of the 
optimal lubrication provided by synovial fluid, cartilage’s extremely low frictional 
resistance makes it 15 times easier to move opposing joint surfaces than to move an 
ice-skate on ice [Mow and Hayes, 1991; Jeffery, 1994]. 

Cartilage functions as a unit with subehondral bone, which contributes to shock 
absorption by under going viscoelastic deformation of its tine trabecular structure. 
Although some joints, like the hip, are intrinsically stable by virtue of their shape, 
the majority require an elaborate combination of ligaments, meniscus, tendons, and 
muscles for stability. Because of the large multidirectional forces that pass through 
the joint, its stability is a dynamic process. Receptors within the ligaments fire when 
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stretched during motion, producing an integrated muscular contraction that provides 
stability for that specific displacement. Therefore, the ligaments are not passive 
joint restraints as once believed. The extreme complexity and high level of 
performance o1 biologic joints determine the standard to be met by artificial 
implants. 

Total joint replacements are permanent implants, unlike those used to treat fractures, 
and the extensive bone and cartilage removed during implantation makes this 
procedure irreversible. Therefore, when faced with prosthesis failure and the 
impossibility to reimplant, the patient will face severe shortening of the extremity, 
instability or total rigidity of the joint, difficulty in ambulation, and often will be 
confined to a wheel chair. 

The design of an implant for joint replacement should be based on the kinematics 
and dynamic load transfer characteristic of the joint. The material properties, shape, 
and methods used for fixation of the implant to the patient determines the load 
transfer characteristics. This is one of the most important elements that determines 
long-term survival of the implant, since bone responds to changes in load transfer 
with a remodeling process, mentioned earlier as Wollff’s law. Overloading the 
implant-bone interface or shielding it from load transfer may result in bone 
resorption and subsequent loosening of the implant [Sarmiento et al., 1990]. The 
articulating surfaces of the joint should function with minimum friction and produce 
the least amount of wear products [Charnley, l973]. The implant should be securely 
fixed to the body as early as possible (ideally immediately after implantation); 
however, removal of the implant should not require destruction of a large amount of 
surrounding tissues. Loss of tissue, especially of bone, makes re-implantation difficult 
and often shortens the life span of the second joint replacement [Dupont and Charnley, 
1972]. Decades of basic and clinie.aJ experimentation have resulted in a vast number of 
prosthetic designs and material combinations (Table 45.3 and Table 45.4) [Griss, 1984]. 
In the following section. the most relevant achievenwnts in fixation methods and 
prosthetic design for different joints will be discussed at a conceptual level. Most joints 
can undergo partial replacement (hemiarthroplasty), that is, reconstruction of only one 
side of the joint while retaining the other. This is indicated in selected conditions when 
global joint degeneration has not taken place. This section will focus on total joint 
replacement, since this allows for a broader discussion of the biomaterials used. 
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TABLE 45.3 Biomaterials for Total Joint Replacements 

 

TABLE 45.4 Types of Total Joint Replacements 

 

45.1.2.1 Implant Fixation Method  The development of a permanent fixation 
mechanísm of implants to bone has been one of the most formidable challenges in the 
evolution of joint replacement. There arc three types of methods of fixation: (1) 
mechanical interlock, which is achieved by press-fitting the implant [Carneron, l994a), 
by using polymethylmethacrylate, which is called bone cement, as a grouting agent 
[Charnicy, 1979], or by using threaded components [Albrektsson et al., 1994]; (2) 
biological fixation, which is achieved by using textured or porous surfaces, which allow 
bone to gmw into the interstices Cameron, 1994b]; and (3) direct chemical bonding 
between implant and bone, for example, by coating the implant with calcium 
hydroxyapatite, which has a similar mineral composition to bone [Morscher, 1992]. 
Recently, direct bonding with bone was observed with Bioglass, a glass-ceramic, 
through selective dissolution of the surface film (Hench, 1994]; however, the likelihood 
of its dinical application is still under investigation.  
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Each of the fixation mechanisms has an idiosyncratic behavior, and their load transfer 
characteristics as well as the failure mechanisms are different. Further complexity arises 
from prostheses which combine two or more of the fixation mechanisms in different 
regions of the implant. Multiple mechanisms of fixation are used in an effort to 
customize load transfer to requirements of different regions of bone in an effort to 
preserve bone mass. Loosening, unlocking, or dc-bonding between implant and bone 
constitute some of the most important mechanisms of prosthetic failure. 

45.1.2.2 Bone Cernent Fixation. Fixation of implants with polymethylmethacrylate 
(PMMA. bone cement) provides immediate stability, allowing patients to bare all of 
their weight on the extremity at once. In contrast, implants which depend on bone 
ingrowth require the patient to wait about 12 weeks to bear full weight. Bone cement 
functions as a grouting material; consequently, its anchoring power depends on its 
ability to penetrate between bone trabeculae during the insertion of the prosthesis 
[Charnley, 1979]. Being a viscoelastic polymer, it has the ability to function as a shock 
absorber. It allows loads to be transmitted uniformly between the implant and bone, 
reducing localized high-contact stress. 

Fixation with bone cement creates bone-cement and cement-implant interfaces, and 
loosening may occur at either one. The mechanisms to enhance the stability of the 
metal-cement interface constitute an area of controversy in joint replacement. Some 
investigators have focused their efforts on increasing the bond between metal and 
cement by roughening the implant, or pre-coating it with PMMA to prevent sinking of 
the prosthesis within the cement mantle, and circulation of debris within the interface 
[Park et al., 1978; Barb et al., 1982; Harris, 1988]. In contrast, others polish the implant 
surfaces and favor wedge-shaped designs which encourage sinking of the prosthesis 
within the cement, to profit from the viscoelastic deformation of the mantle by loading 
the cement in compression [Ling, 1992]. 

The problems with bone-cement interface may arise from intrinsic factors, such as the 
properties of the PMMA and bone, as well as extrinsic factors such as the cementing 
technique. Refinements in the cementing technique, such as pulsatile lavage of the 
medullary canal, optimal hemostasis of the cancellous bone, as well as drying of the 
medullary canal and pressurized insertion of the prosthesis, can result in a cement-bone 
interface free of gaps, with maximal interdigitation with cancellous bone [Harris and 
Davies, 1988]. Despite optimal cementing technique, a thin fibrous membrane may 
appear in various regions of the interface, due to various factors such as the toxic effect 
of free methylmethacrylate monomer, necrosis of the bone resulting from high 
polymerization temperatures. or devascularization during preparation of the canal 
[Goldring et al., 1983]. Although a fibrous membrane in the bone cement interface may 
be present in a well-functioning implant, it may also increase in width over time (most 
probably as a result of the accumulation of polyethylene wear debris from the bearing 
couple), and may result in macromotion, bone loss, and eventual loosening 
[Ebramzadeh et al., 1994]. Finally, the cement strength itself may be improved by 
removing air bubbles by mixing monomer and polymer under vacuum and/or 
centrifuging it [Harris, l988]. During implantation, various devices are used to 
guarantee uniform thickness of the mantle to minimize risk of fatigue failure of the 
cement [Oh et al., 1978]. 
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45.1.2.3 Porous Ingrowth Fixation. Bone ingrowth can occur with inert implants which 
provide pores larger than 25 µm in diameter, which is the size required to accommodate 
an osteon. For the best ingrowth in clinical practice, pore size range should be 100 to 
350 µm and pores should be interconnected with each other with similar size of opening 
[Cameron, 1994b]. Implant motion inhibits bony ingrowth and large bone-metal gaps 
prolong or prevent the osseointegration [Curtis et al., 1992]. Therefore, precise surgical 
implantation and prevention of post-operative weight bearing for about 12 weeks are 
required for implant fixation. The porous coated implants require active participation of 
the bone in the fixation of the implant, in contrast1 to cementation where the bone has a 
passive role. Therefore, porous coated implants are best indicated in conditions where 
the bone mass is near-normal. The implant design should allow ingrown bone to be 
subjected to continuous loading within a physiologic range in order to prevent loss 
of bone mass due to stress shielding. Porous ingrowth prostheses are notoriously 
difficult to remove, and substantial bone damage often results from the removal 
process. For this reason, they should be optimized to provide predictable ingrowth 
with a minimal area of surgically accessible porous coated surface. 

Commercially pure titanium, titanium alloy, tantalum, and calcium hvdroxyapatite 
(HA) are currently used as porous coating materials. With pure titanium, three 
different types of porosity can be achieved: (1) plasma spray coating, (2) sintering 
of wire mesh, or (3) sintering of beads on an implant surface (Figure 45.7) 
[Morscher, 1992]. Thermal processing of the porous coating may weaken the under 
lying metal (implant). Additional problems may result from flaking of the porous 
coating materials, since loosened metal particles may cause severe wear when the’ 
migrate into the articulation (bearing couple) [Agins et al., 1988]. A thin calcium 
hydroxyapatite coating over the porous titanium surface has been used in an effort 
to enhance osseointegration; however, it improves only early-stage interfacial 
strength [Friedman. 1992; Capello and Bauer, 1994]. The long-term degradation 
and/or resorption of hydroxyapatite is still under investigation. 

Recently, a cellular, structural biomaterial comprised of 15 to 25% tantalum (75 to 
85% porous) has been developed. The average pore size is about 550 lim, and the 
pores are fully interconnected. The porous tantalum is a bulk material (i.e., not a 
coating) and is fabricated via a proprietary chemical vapor Infiltration process in 
which pure tantalum is uniformly precipitated onto a reticulated vitreous carbon 
skeleton. The porous tantalum possesses sufficient compressive strength for most 
physiological loads, and tantalum exhibits excellent biocompatibility [Black, 1994]. 
This porous tantalum can be mechanically attached or diffusion bonded to substrate 
materials such as Ti alloy. Current commercial applications included polyethylene-
porous tantalum acetabular components for total hip joint replacement and repair of 
defects in the acetabulum. 
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FIGURE 45.7 Scanningelectron micrographs of four different types of porous 
structures: (a) plasma sprayed coating (7x ). (b) sintered wire mesh coating (7x ). (C) 

sintered beads coating (20x). and (d) Hedrocell porous tantalum (50x). 

45.1.3 Total Joint Replacements 

45.1.3.1 Hip Joint Replacement. The prosthesis for total hip replacement consists 
of a femoral component and an acetabular component (Figure 45.5a). The femoral 
stem is divided into head, neck, and shaft. The femoral stem is made of Ti alloy or 
CoCr alloy (316L stainless steel was used earlier) and is fixed into a reamed 
medullary canal by cementation or press fitting. The femoral head is made of CoCr 
alloy, alumina, or zirionia. Although Ti alloy heads function well under clean 
articulating conditions, they have fallen into disuse because of their low wear 
resistance to third bodies, for example, bone or cement particles. The acetabular 
component is generally made of ultra-high molecular weight polyethylene 
(UHMWPE). 

The prostheses can be monolithic when they consist of one part, or modular when 
they consist of two or more parts and require assembly during surgery. Monolithic 
components are often less expensive, and less prone to corrosion or disassembly. 
However, modular components allow customizing of the implant intraoperatively, 
and during future revision surgeries, for example, modifying the length of an 
extremity by using a different femoral neck length after the stem has been cemented 
in place, or exchanging a worn polyethylene bearing surface for a new one without 
removing the well-functioning part of the prosthesis from the bone. In modular 
implants (Figure 45.8b), the femoral head is fitted to the femoral neck with a Morse 
taper, which allows changes in head material and size, and neck length. Table 45.5 
illustrates the most frequently used combinations of material in total hip 
replacement. 
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(a)   (b)  

FIGURE 45.8 (a) Radiograph of hone cement fixed Charnley hip joint (monolithic 
femoral and acetabular component. 15-year follow-up). (b) Modular total hip system: 
head, femoral stem, porous coated proximal wedge, porous coated metal backing for 

cup. UHMWPE cup, and fixation screws. 

When the acetabular component is monolithic, it is made of UHMWPE when it is 
modular, it consists of a metallic shell and a UHMWPE insert. The metallic shell 
seeks to decrease the microdeformation of the UHMWPE and to provide a porous 
surface for fixation of the cup [Skinner, 1992]. The metallic shell allows worn 
polyethylene liners to be exchanged. In cases of repetitive dislocation of the hip 
after surgery, the metallic shell allows replacing the old liner with a more 
constrained one, to provide additional stability. Great effort has been placed on 
developing an effective retaining system for the insert, as well as on maximizing the 
congruity between insert and metallic shell (Figure 45.8f b). Dislodgment of the 
insert results in dislocation of the hip and damage of the femoral head, since it 
contacts the metallic shell directly. Micromotion between insert and shell produces 
additional polyethylene debris which can eventually contribute to bone loss 
[Friednan, 1994). 

The hip joint is a ball-and-socket joint, which derives its stability from congruity of 
the implants, pelvic muscles, and capsule. The prosthetic hip components are 
optimized to provide a wide range of motion without impingement of the neck of 
the prosthesis on the rim of the acetabular cup to prevent dislocation. The design 
characteristics must enable implants to support loads that may reach more than eight 
times body weight [Paul, 1976]. Proper femoral neck length and correct restoration 
of the center of motion and femoral offset decrease the bending stress on the 
prosthesis—bone interface. High-stress concentration or stress shielding may result 
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in bone resorption around the implant. For example, if the femoral stem is designed 
with sharp corners (diamond shaped in a cross-section), the bone in contact with the 
corners of the implant may necrose and resorb. 

TABLE 45.5 Possible Combination of Total Hip Replacements 

 

Load bearing and motion of the prosthesis produces wear debris from the 
articulating surface, and from the interfaces where there is micromotion, for 
example, stem—cement interface. Bone chip, cement chip, or broken porous 
coating are often entrapped in the articulating space and cause severe polyethylene 
wear (third-body wear). The principal source of wear under normal conditions is the 
UHMWPE bearing surface in the cup. Approximately 150,000 particles are 
generated with each step and a large proportion of these particles are smaller than 1 
µm. Cells from the immune system of the host, for example, macrophages, are able 
to identify the polyethylene particles as foreign and initiate a complex inflammatory 
response. This response may lead to rapid focal bone loss (osteolysis), bone 
resorption, loosening, and/or fracture of the bone. Recently, low-wear UHMWPE 
has been developed using a cross-linking of polyethylene molecular chains. There 
are several effective methods of cross-linking polyethylene, including irradiation of 
cross-linking, peroxide cross-linking, and silane cross-linking [Shen et al., 1996]. 
However, none of the cross-linked polyethylene has been clinically tested yet. 
Numerous efforts are underway to modify the material properties of articulating 
materials to harden and improve the surface finish of the femoral head [Friedman, 
1994]. There is growing interest in metal—metal and ceramic—ceramic hip 
prostheses as a potential solution to the problem of osteolysis induced by 
polyethylene wear debris. 

45.1.3.2 Knee Joint Replacements. The prosthesis for total knee joint replacement 
consists of femoral, tibial, and patellar components. Compared to the hip joint, the 
knee joint has a more complicated geometry and movement biomechanics, and it is 
not intrinsically stable. In a normal knee, the center of movement is controlled by 
the geometry of the ligaments. As the knee moves, the ligaments rotate on their 
bony attachments and the center of movement also moves. The eccentric movement 
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of the knee helps distribute the load throughout the entire joint surface [Burstein and 
Wright, 1993]. 

The prostheses for total knee replacement (Figure 45.9) can he divided according to 
the extent to which they rely on the ligaments for stability: (1) Constraint: these 
implants have a hinge articulation, with a fixed axis of rotation, and are indicated 
when all of the ligaments are absent, for example in reconstructive procedures for 
tumoral surgery. (2) Semi-constrained: these implants control posterior 

 

FIGURE 45.9 Various types of knee joints (a) metal hinged. (b) hinged with plastic 
liner. (c) intramedulary fixed semiconstrained. (d) surface replacement. (e) uni-

compartmental replacement, and (f) bi-compartmental replacement. 

displacement of the tibia on the femur and medial-lateral angulation of the knee, but 
rely on the remaining ligaments and joint capsule to provide the rest of the 
constraint. Semi-constrained prostheses are often used in patients with severe 
angular deformities of the extremities, or in those that require revision surgery, 
when moderate ligamentous instability has developed. (3) Non-constrained: these 
implants provide minimal or no constraint. The prosthesis that provides minimal 
constraint requires resection of the posterior cruciate ligament during implantation, 
and the prosthetic constraint reproduces that normally provided by this ligament. 
The ones that provide no constraint spare the posterior cruciate ligament. These 
implants are indicated in patients who have joint degeneration with minimal or no 
ligamentous instability As the degree of constraint increases with knee replacements, 
the need for the use of femoral and tibial intramedullary extensions of the prosthesis 
is greater, since the loads normally shared with the ligaments are then transferred to 
the prosthesis—bone interface. 
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Total knee replacements can be implanted with or without cement, the latter relying 
on porous coating for fixation. The femoral components are typically made of CoCr 
alloy and the monolithic tibial components are made of UHMWPE. In modular 
components, the tibial polyethylene component assembles onto a titanium alloy 
tibial tray. The patellar component is made of UHMWPE, and a titanium alloy back 
is added to components designed for uncemented use. The relatively small size of 
the patellar component compared to the forces that travel through the extensor 
mechanism, and the small area of bone available for anchorage of the prosthesis, 
make the patella vulnerable. 

The wear characteristic of the surface of tibial polyethylene is different from that of 
acetabular components. The point contact stress and sliding motion of the 
components result in delamination and fatigue wear of the UHMWPE [Walker, 
1993]. Presumably because of the relatively larger particle size of polyethylene 
debris, osteolysis around a total knee joint is less frequent than in a total hip 
replacement. 

45.1.3.3 Ankle Joint Replacement. Total ankle replacements have not met with as 
much success as total hip and knee replacements, and typically loosen within a few 
years of service [Claridge et al., 1991]. This is mainly due to the high load 

 

FIGURE 45.10 Miscellaneous examples of prostheses for total joint replacement: (a) 
ankle, (b) socket-ball shoulder joint. (c) hinged elbow joint, and (d) encapsulated finger 

joint. 
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transfer demand over the relatively small ankle surface area, and the need to replace 
three articulating surfaces (tibial, talar, and fibular). The joint configurations that 
have been used are cylindrical, reverse cylindrical, and spherical. The materials 
used to construct ankle joints are usually CoCr alloy and UHMWPE. Degeneration 
of the ankle joint is currently treated with fusion of the joint, since prostheses for 
total ankle replacement are still considered to be under initial development. Figure 
45.10 shows ankle and other total joint replacements. 

45.1.3.4 Shoulder Joint Replacements. The prostheses for total shoulder 
replacement consist of a humeral and a glenoid component. Like the femoral stem, 
the humeral component can be divided into head, neck, and shaft. Variations in the 
length of the neck result in changes in the length of the extremity. Even though the 
patient’s perception of length of the upper extremity is not as accurate as that of the 
lower extremity, the various lengths of the neck are used to fine-tune the tension of 
the soft tissues to obtain maximal stability and range of motion. 

The shoulder has the largest range of motion in the body, which results from a 
shallow ball and socket joint, which allows a combination of rotation and sliding 
motions between the joint surfaces. To compensate for the compromise in congruity, 
the shoulder has an elaborate capsular and ligamentous structure, which provides 
the basic stabilization. In addition, the muscle girdle of the shoulder provides 
additional dynamic stability. A decrease in the radius of curvature of the implant to 
compensate for soft tissue instability will result in a decrease in the range of motion 
[Neer, 1990]. 

45.1.3.5 Elbow Joint Replacements. The elbow joint is a hinge-type joint allowing 
mostly flexion and extension, but having a polycentric motion [God and Blair, 
1985]. The elbow joint implants are either hinged, semi-constrained, or 
unconstrained. These implants, like those of the ankle, have a high failure rate and 
are not used commonly. The high loosening rate is the result of high rotational 
moments, limited bone stock for fixation, and minimal ligamentous support 
[Morrey, 1993]. In contrast to fusions of the ankle which function well, fusions of 
the elbow result in a moderate degree of incapacitation. 

45.1.3.6 Finger Joint Replacements. Finger joint replacements are divided into 
three types: (I) hinge, (2) polycentric, and (c) space-filler. The most widely used are 
the space-filler type. These are made of high performance silicone rubber 
(polydimethyìsiloxane) and are stabilized with a passive fixation method. This 
method depends on the development of a thin, fibrous membrane between implant 
and bone, which allows pistoning of the prosthesis This fixation can provide only 
minimal rigidity of the joint [Swanson, 1973]. Implant wear and cold tow associated 
with erosive cystic changes of adjacent bone have been reported with silicone 
implants [Carter et al., 1986; Maistrelli, 1994]. 
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FIGURE 45.11 Experimental artificial discs “used” to restore function of the 
degenerated spine disc. 

45.1.3.7 Prosthetic Intervertebral Disk. Because of adjacent-level degeneration and 
other complications, such as non-fusion, alternatives to fusions have been proposed. 
One of the most recent developments for non-fusion treatment alternatives is 
replacement of the intervertebral discs [Hedman et al., l991]. The goal of this 
treatment alternative is to restore the original mechanical function of the disc. One 
of the stipulations of artificial disc replacement is that remaining osseous spinal and 
paraspinal soft tissue components are not compromised by pathologic changes. 
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Several artificial disk prostheses have been developed to achieve these goals (Figure 
45.11). 

45.1.3.8 Prostheses for Limb Salvage. Prosthetic implant technology has brought 
new lifestyles to thousands of patients who would lose their limbs due to bone 
cancer. In the past, the treatment for primary malignant bone cancer of the 
extremities was amputation. Significant advances in bone tumor treatment have 
taken place during the last two decades. The major treatment methods for limb 
reconstruction following bone tumor resection are resection arthrodesis (fusion of 
two bones), allograft-endoprosthetic composite, and endoprosthetic reconstruction. 
Endoprosthetic reconstruction is an extension of a total joint replacement(s) 
component to the resected bone area, and is the most popular option due to an 
advantage of fast postoperative recovery (Figure 45.12). Therefore, material and 
fixation methods for limb salvage endoprostheses are exactly the same as for total 
joint replacements. Femur, tibia, humerus, pelvis, and scapular are often resected 
and replaced endoprostheses. Similar to total joint replacements, disadvantages of 
the endoprosthetic reconstruction are prosthesis loosening due to polyethylene wear 
and cement failure, and mechanical failure of the prostheses. 

 

FIGURE 45.12 Radiographic appearance (montage) of a modular endoprosthetic 
replacement. Entire femur, hip joint, and knee joint of the bone tumor patient were 

replaced with prostheses for a limb salvage. 

 

Most of the endoprostheses for limb salvage are of the expandable type [Ward et al., 
1996]. Expandable endoprostheses are required for children who have a potential 
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for skeletal growth. Several expandable prostheses require an open surgical 
procedure to be lengthened, whereas others have been developed that can be 
lengthened by servomechanisms within the endoprosthesis. The modular segmental 
system is a new option for expandable endoprosthesis. They can be revised easily to 
elongate modular components to gain length over time. The modular segmental 
system has several advantages over the mechanically expandable one. The use of 
the modular system allows intraoperative customization of the endoprosthesis 
during surgery. It minimizes discrepancies between custom implants and actual 
skeletal defects due to the radiographic magnification and uncertainty of margin of 
tumor resection. It allows the surgeon to assemble the prosthesis intraoperatively. 
The cost of the modular system is less than the cost of an expandable custom 
endoprosthesis. The modular system allows for simpler and less expensive revision 
when failures occur, obviating the need for an entirely new prosthesis when only 
one part needs to be replaced. On the other hand, the modular system has a high 
chance of corrosion failure at the Morse tapers and dislodgment at the Morse taper 
fittings. It can be lengthened only in certain increments. The modular component 
system has additional applications: metastatic bone disease, failure of internal 
fixation, severe acute fractures with poor bone quality, and failure of total joints 
with insufficient bone stock. 
 
 
DEFINING TERMS 
Bone resorption: A type of bone loss due to the greater osteoclastic activity than 
the osteogenic activity. 

Callus: Unorganized meshwork of woven bone which is formed following fracture 
of bone to achieve early stability of the fracture. 

Fibrous membrane: Thin layer of soft tissue which covers an implant to isolate it 
from the body. 

Necrosis: Cell death caused by enzymes or heat. 

Osseointegration: Direct contact of bone tissues to an implant surface without 
fibrous membrane. 

Osteolysis: Dissolution of bone mineral from the bone matrix. 

Primary Healing:  Bone healing in which union occurs directly without forming 
callus. 

Secondary Healing: Bone union with a callus formation. 

Stress shielding: Bone is protected from stress by the stiff implant. 

Wolff’s Law:  Bone develops or adapts its structure to that most suited to resist the 
forces acting upon it. 
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45.2   DENTAL IMPLANTS: THE RELATIONSHIP OF MATERIA LS  
CHARACTERISTIC TO BIOLOGIC PROPERTIES 
[J.C. Keller] 

As dental implants have become an acceptable treatment modality for partially and 
fully edentulous patients, it has become increasingly apparent that the interaction of 
the host tissue with the underlying implant surface is of critical importance for long-
term prognosis [Young, 1988; Smith, 1993]. From the anatomical viewpoint, it is 
generally accepted that dental implants must contact and become integrated with 
several types of host tissues. Due largely to the work of Branemark and his 
colleagues [Albrektsson et al., 1983; llranemark. 1983], the importance of 
developing and maintaining a substantial bone-implant interface for mechanical 
retention and transmission of occlusal forces was realized. Despite documented 
long-term success of dental implants, longer-term implant failures are noted due to 
poor integration of connective arid epithelial tissues and subsequent failure to 
develop a permucosal seal akin to that with natural tooth structures. From a biologic 
point of view, the characteristics of the implant substrate which permit hard and soft 
tissue integration and prevent adhesion of bacteria and plaque need to be further 
understood. It is likely that as a more complete understanding of the basic biologic 
responses of host tissues becomes known, refinements in the currently employed 
materials as well as new and improved materials will become available for use in 
the dental implant field. 

It is important to realize that the overall biologic response of host tissue to dental 
implants can be divided into two distinct but interrelated phases (as given in Table 
45.6). Phase I consists of the tissue responses which occur during the clinical 
healing phase immediately following implantation of dental implants. During this 
healing phase, the initial biologic processes of protein and molecular deposition on 
the implant surface are followed by cellular attachment, migration, and 
differentiation [Stanford and Keller, 1991]. It is therefore important to understand 
the characteristics of the implant material which affect the initial formation of the 
host tissue—implant interface. The characteristics include materials selection and 
the physical and chemical properties of the implant surface. These initial tissue 
responses lead to the cellular expression and maturation of extracellular matrix and 
ultimately to the development of bony interlaces with the implant material. After the 
initial healing phase is complete, usually between 3 and 6 months according to the 
two-stage Branemark implant design, the bone interlace remodels under the occlusal 
forces placed on the implant during the Phase Il functional period [Skalak. 1985; 
Brunski. 1992]. The overall bioresponses including bone remodeling during the 
functional phase of implant service life are then strongly influenced by the 
characteristics of loading and distribution of stress at the interface [Brunski, 1992]. 
The ability of the maturing interface to “remodel” as stresses are placed on the 
implant thus depend in large part on the original degree of tissue—implant surface 
interaction. 
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TABLE 43.6 Correlation Between the Clinical Phases of Implant Service Life with 
Biologic Events and Important Implant Materials Characteristic 

 

TABLE 45.7 Approximate Room Temperature Mechanical Properties of Selected 
Implant 

Materials Compared to Bone 

 

This chapter will focus on the factors concerning dental implants which affect 
biologic properties of currently available dental implant materials. As pertains to 
each major topic, the influence of the materials properties on biologic responses will 
be emphasized. 

45.2.1 Effects of Materials Selection 

45.2.1.1 Metals and Alloys. Previously, dental implants have been fabricated from 
several metallic systems, including stainless steel and cobalt—chrome alloys as well 
as from the titanium family of metals. Several studies have reported on the ability of 
host bone tissues to ‘integrate” with various metal implant surfaces [Albrektsson et 
al., 1983; Katsikeris et al.. 1987; Johansson et al., 1989]. In current paradigms, the 
term osseointegration refers to the ability of host tissues to form a functional 
interface with implant surfaces without an intervening layer of connective tissue 
akin to a foreign body tissue capsule observable at the light microscopic level 
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[Albrektsson et al., 1983; Branemark, 1983]. By this definition, it becomes apparent 
that several biomedical materials including Ti and Ti alloy fulfill this general 
criterion. Ultrastructural investigations using transmission electron microscopy 
(TEM) approaches have further refined descriptions of the tissue implant interface, 
and the early work by Albrektsson and colleagues [l983] has become the descriptive 
standard by which other materials interfaces are compared. When bone was allowed 
to grow on Ti, a partially calcified amorphous ground substance was deposited in 
immediate contact with the implant, followed by a collagenous fibril-based 
extracellular matrix, osteoblast cell processes, and a more highly calcified matrix 
generally 200 to 300 Å from the implant surface. 

However, other metallic materials have fallen from favor for use as dental implants 
due to widely differing mechanical properties compared to bone (Table 45.7), which 
can result in a phenomenon termed stress shielding [Slalak. 1985; Brunski, 1992], 
and the propensity for formation of potentially toxic corrosion products due to 
insufficient corrosion resistance properties [van Orden, 1985; Lucas et al, 1987]. 
Ultrastructurally, the interface between bone and 3161 stainless steel was described 
as consisting of a multiple-cell layer separating the bone from metal. Inflammatory 
cells were prominent in this layer, and a thick proteoglycan noncollagenous coating 
was present. This histologic appearance resembled that of a typical foreign body 
reaction and typifies a nonosseointegration-type response. The poor biologic 
response to stainless steel alloys has been recontìrmed by recently conducted in 
vitro studies which related the inability of host tissue to attach to the metal surface 
to the toxicity associated with metal ion release [Vrouwcnvelder et al., 1993]. 

Due in large measure to the introduction and overall clinical success of the 
Branemark system. the range of metallic materials utilized for dental implants has 
become limited largely to commercially pure titanium (cpTi > 99.5%) and its major 
alloy, Ti—6A1—4V [De Porter et al., 1986; Keller et al., 1987]. Controversy 
remains, largely due to commercial advertising interests, as to which material 
provides a more suitable  

Ti alloy surfaces resulted in wide (5000 A) amorphous zones devoid of collagen 
filaments, compared to the thinner 200 to 400 A collagen-free amorphous zone 
surrounding cpTi surfaces. Subsequent studies revealed differences in the oxide 
characteristics between these sputtercoated cpTi and Ti alloy surfaces used for 
histologic and ultrastructural interfacial analyses. Significant surface contamination 
and the presence of V was observed in the Ti alloy surface, which led to an overall 
woven bone interface compared to the cpTi surface which had a more conipact bone 
interface. Orr and colleagues I 19921 demonstrated a similar ultrastructural 
morphology for interfaces of bone to Ti and Ti alloy, respectively. In each case an 
afibrillar matrix with calcified globular accretions, similar in appearance to cement 
lines in haversian systems, were observed in intimate contact with the oxide surface. 
Any slight differences in morphology were attributed to minor differences in 
surface topography or microtexture rather than chemical differences between the 
two surface oxides. 
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TABLE 45.8 Surface Characterizations of cpTi and Ti Alloy (means ± standard 
deviations) 

 

This is an area that is still under investigation, although recent research indicates 
that the stable oxide of cpTi and Ti alloy provide suitable surfaces for biologic 
integration [Keller et al., 1994]. Studies involving comprehensive surface analyses 
of prepared bulk cpTi and Ti alloy indicated that although the oxide on Ti alloy is 
somewhat thicker following standard surface preparations (polishing, cleaning, and 
acid passivation), the overall topography. the chemical characteristics, including 
presence and concentration of contaminants, and surface energetics were virtually 
identical for both materials as given in Table 45.8. In vitro experiments confirmed 
that the inherently clean condition of these oxides supports significant osteoblast 
cell attachment and migration and provides a hospitable surface to allow in vitro 
mineralization processes to occur [Orr et al., 1992]. 

In vitro experiments designed to study the ultrastructural details of bone-implant 
interfaces made from cpTi and T’i alloy may provide additional clues as to the 
histologic and ultrastructural differences which have been observed with these 
materials. Since dinical implants made from both materials appear to be successful 
[Branemark, 1983; De Porter et al., 1986], it is possible that because of the 
difference in mechanical properties between unalloyed and Ti alloy material, the 
longer-term tissue interface results from differences in bone remodeling due to the 
local biomechanical environment surrounding these materials [Brunski, 1992]. This 
hypothesis requires continued investigation for more definitive answers. 

45.2.1.2 Ceramics and Ceramic Coatings. The use of single crystal sapphire or 
Al 2O3 ceramic implants has remained an important component. In the dental 
implant field [Driskell et al., 1973]. Although this material demonstrates excellent 
biologic compatibility, implants fabricated from Al2O3 have not reached a high 
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degree of popularity in the United States. Morphologic analyses of the soft tissue 
interface with Al2O3 revealed a hemidesmosomal external lamina attachment 
adjacent to the junctional epithelium — implant interface [Steflik et al., 1984]. This 
ultrastructural description is often used for comparison purposes when determining 
the extent of soft-tissue interaction with dental implants. Similarly, in vivo studies 
of the bone — Al2O3 implant interface reveal high levels of bone-to-implant contact, 
with areas of intervening fibrous connective tissue. Although fibrous tissue was 
present at the interface, the implant remained immobile, and the interface was 
consistent with a dynamic support system. More recent ultrastructural studies have 
demonstrated a mineralized matrix in immediate apposition to the Al2O3 implants 
similar to that described for Ti implants [Steflik et al., 1993]. 

An approach to enhancing tissue responses at dental implant interfaces has been the 
introduction of ceramics like, calcium-phosphate-containing (CP) materials as 
implant devices. The use of calcium-phosphate materials, in bulk or particulate form 
or as coatings on metal substrates has taken a predominant position in the 
biomedical implant area and has been the focus of several recent reviews 
[Koeneman et al, 1990; Kay, 1992]. One of the most important uses of CP materials 
has been as a coating on metallic (cpTi and Ti alloy) substrates. This approach has 
taken advantage of thin-film-coating technology to apply thin coatings of 
hydroxyapatite (HA) and tricalcium phosphate (TCP) materials to the substrate in 
order to enhance bone responses at implant sites. The most popular method of 
coating has been the plasma spray process [Herman, 1988]; although this process 
has some advantages, there are reports of nonuniform coatings, interfacial porosity, 
and vaporization of elements in the powder [Cook et al., 1991; Kay, 1992].  

The use of this class of materials is based on the premise that a more natural 
hydroxyapatite (HA-like) could act as a scaffold for enhanced bone response — 
osseointegration — and thereby minimize the long-term healing periods currently 
required for uncoated metal implants. 

Numerous in vivo investigations have clearly demonstrated that HA-like coatings 
can enhance bone responses at implant interfaces [Cook et al, 1991; Jarcho et al.. 
1997]. although the mechanisms responsible for the development of the interface 
between hard tissue and these ceramic coatings are not well understood [Jansen et 
al., 1993]. Histologically, the overall bone-coating interface is similar in appearance 
and chronologic development to that reported for uncoated implant surfaces. 
Initially, an immature, trabecular, woven bone interface is formed followed by more 
dense, compact lamellar supporting bone structure. Ultrastructurally, the interface is 
reported to consist of a globular, afibrillar matrix directly on the HA surface, an 
electron-dense, proteoglycan rich layer (20 to 60 nm thick) and the presence of a 
mineralized collagenous matrix [De Bruijn et al., 1993]. Although the morphologic 
descriptions of the HA and Ti interfaces are similar, numerous studies have shown 
that the bone response to HA coatings is more rapid than with uncoated Ti surfaces, 
requiring approximately one-third to one-half the time to establish a firm osseous 
bed as uncoated Ti. Likewise, the extent of the bone response to HA coatings is 



30/37 

 

superior and, according to some studies, leads to a several-fold increase in 
interfacial strength compared to uncoated Ti [Cook et al., 1991]. 

The cellular events which take place and lead to the interfacial ultrastructure with 
bone tissue and ceramic surfaces are under current investigation. Based upon 
preliminary findings, the advantageous biologic properties of HA coatings do not 
appear to be related to recruitment of additional cells during the early attachment 
phase of healing. Although recent work indicated that bone cells and tissue form 
normal cellular focal contacts during attachment to HA coatings, the level of initial 
in vitro attachment generally only approximates that observed with Ti [Puleo et al., 
1991; Keller et al., 1992]. Rather, the mechanisms for the enhanced in vitro cell 
responses appear to be related, to a certain degree, to the degradation properties and 
release of Ca+2 and PO3 ions into the biologic milieu. This surface corrosion is 
associated with highly degradable amorphous components of the coating and leads 
to surface irregularities which may enhance the quality of cell adhesion to these 
roughened materials [Bowers et al., 1992; Chehroudi et al., 1992]. Cellular events 
which occur following attachment may be influenced by the nature of the ceramic 
surface. Emerging evidence from a number of laboratories suggests that cellular-
mediated events, including proliferation, matrix expression, and bone formation are 
enhanced following attachment to HA coatings and appear to be related to the gene 
expression of osteoblasts when cultured on different ceramic materials. These early 
cellular events lead to histologic and ultrastructural descriptions of bone healing 
which take place on these surfaces and are very similar to those reported from in 
vivo studies [Orr et al., 1992; Steflik et al, 1993]. 

As determined from in vitro dissolution studies, there is general agreement that the 
biodegradation properties of the pertinent CP materials can be summarized as α-
TCP > β-TCP >>> HA. Whereas amorphous HA is more prone to biodegradation 
than crystalline HA [Koeneman et al.,1990]. Considerable attempts to investigate 
the effects of coating composition (relative percentages of HA, TCP) on bone 
integration have been undertaken. Using an orthopedic canine total hip model, Jasty 
and coworkers [1992] reported that by 3 weeks, a TCP/HA mixed coating resulted 
in significantly more woven bone apposition to the implants than uncoated implants. 
As determined by x-ray diffraction, the mixed coating consisted of 60% TCP, 20% 
crystalline HA, and 20% unknown Ca-PO4 materials. Jansen and colleagues [1993] 
reported that, using HA-coated implants (90% HA. 10% amorphous CP), bony 
apposition was extensive in a rabbit tibia model by 12 weeks. However, significant 
loss of the coating occurred as early as 6 weeks after implantation. Most recently, 
Maxian and coworkers [1993] reported that poorly crystallized HA (60% 
crystalline) coatings demonstrated significant degradation and poor bone apposition 
in vivo compared to amorphous coatings. Both these reports suggest that although 
considerable bioresorption of the coating occurred in the cortical bone, there was 
significant bone apposition (81 ± 2% for amorphous HA at 12 weeks, 77% for 
crystalline HA, respectively) which was not significantly affected by bioresorption. 

From these in vivo reports, it is dear that HA coatings with relatively low levels of 
crystallinity are capable of significant bone apposition. However, as reported in a 
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1990 workshop report, the FDA is strongly urging commercial implant 
manufacturers to use techniques to increase the postdeposition crystallinity and to 
provide adequate adhesion of the coating to the implant substrate [Filiaggi et al., 
1993]. Although the biologic responses to HA coatings are encouraging, other 
factors regarding HA coatings continue to lead to clinical questions regarding their 
efficacy. Although the overall bone response to HA-coated implants occurs more 
rapidly than with uncoated devices, with time an equivalent bone contact area is 
formed for both materials [Jasty et al., 1992]. These results have questioned the true 
need for HA-coated implants, especially when there are a number of disadvantages 
associated with the coating concept. Clinical difficulties have arisen due to failures 
within the coating itself and with continued dissolution of the coating, and to 
catastrophic failure at the coating—substrate interface [Koeneman et al., 1988].  

Recent progress is reported in terms of the improvements in coating technology. 
Postdeposition heat treatments are often utilized to control the crystallinity (and 
therefore the dissolulion characteristics) of the coatings, although there is still 
debate as to the relationship between compositional variations associated with 
differing crystallinity and optimization of biologic responses. Additional coating-
related properties are also under investigation in regard to their effects on bone. 
These include coating thickness, level of acceptable porosity in the coating, and 
adherence of the coating to the underlying substrate. However, until answers 
concerning these variables have been more firmly established, HA coatings used for 
dental implants will remain an area of controversy and interest. 

45.2.2 Effects of Surface Properties 

45.2.2.1 Surface Topography. The effects of surface topography are different than 
the overall three-dimensional design or geometry of the implant, which is related to 
the interaction of the host tissues with the implant on a macroscopic scale as shown 
in Figure 45.13. This important consideration in overall biologic response to 
implants is discussed later in this chapter. In this discussion the concept of surface 
topography refers to the surface texture on a microlevel. It is on this microscopic 
level that the intimate cell and tissue interactions leading to osseointegration are 
based as shown in Figure 45.14. 

The effects of surface topography on in vitro and in vivo cell and tissue responses 
have been a field of intense study in recent years. The overall goal of these studies 
is to identify surface topographies which mimic the natural substrata in order to 
permit tissue integration and improve dinical performance of the implant. In terms 
of cell attachment, the in vitro work by Bowers and colleagues (1992) established 
that levels of short-term osteoblast cell attachment were higher on rough compared 
to smooth surfaces and cell morphology was directly related to the nature of the 
underlying substrate. After initial attachment, in many cases, cells of various origin 
often take on the morphology of the substrate as shown in Figure 45.15. Increased 
surface roughness, produced by such techniques as sand or grit blasting or by rough 
polishing, provided the rugosity necessary for optimum cell behavior. 
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FIGURE 45.13 Examples of current dental implant designs, illustrating the variety of 
macroscopic topographies which are used to encourage tissue ingrowth. Left to right: 

Microvent, Corevent, Screw-vent, Swede-vent, Branemark, IMZ implant. 

 

 

FIGURE 45.14 Laboratory-prepared cpTi surfaces with (a - c, top to bottom) smooth (1 
µm polish), grooved (600 grit polish), and rough (sandblasted) surfaces. 
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FIGURE 45.15 Osteoblastlike cell morphology after 2 h attachment on (a—c, top to 
bottom) smooth, grooved, and rough cpTi surfaces. 

Work in progress in several laboratories is attempting to relate the nature of the 
implant surface to cell morphology, intracellular cytoskeletal organization, and 
extracellular matrix development. Pioneering work by Chehroudi and coworkers 
[1992] suggests that microtextured surfaces (via micromachining or other 
techniques) could help orchestrate cellular activity and osteoblast mineralization by 
several mechanisms including proper orientation of collagen bundles and cell shape 
and polarity. This concept is related to the theory of contact guidance and the belief 
that cell shape will dictate cell differentiation through gene expression. In 
Chehroudi’s work, both tapered pitted and grooved surfaces (with specific 
orientation and sequence patterns) supported mineralization with ultrastructural 
morphology similar in appearance to that observed by Davies and colleagues [1990]. 
However, mineralization was not observed on smooth surfaces in which 
osteoblastlike cells did not have a preferred growth orientation. Thus the control of 
surface microtopography by such procedures as micromachining may prove to be a 
valuable technology for the control and perhaps optimization of bone formation on 
implant surfaces. 

It is apparent that macroscopic as well as microscopic topography may affect 
osteoblast differentiation and mineralization. In a recent study by Groessner-
Schrieber and Tuan [1992], osteoblast growth, differentiation, and synthesis of 
matrix and mineralized nodules were observed on rough, textured, or porous coated 
titanium surfaces. It may be possible therefore, not only to optimize the interactions 
of host tissues with implant surfaces during the Phase I tissue responses but also to 
influence the overall bone responses to biornechanical forces during the remodeling 
phase (Phase II) of tissue responses. Based on these concepts, current implant 
designs employ microtopographically roughened surfaces with macroscopic 
grooves, threads, or porous surfaces to provide sufficient bone ingrowth for 
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mechanical stabilization and the prevention of detrimental micromotion as shown in 
Figure 45.16 and Figure 45.17 [De Porter et al., 1986; Keller et al., 1987; Pilliar et 
al., 1991; Brunski, 1992]. 

 

FIGURE 45.16 Light microscopic photomicrograph of  bone-smooth cpTi interface 
with intervening layer of soft connective tissue. This implant was mobile in the surgical 

site due to lack of tissue ingrowth. (Original magnification = 50x.) 

 

 

FIGURE 45.17 Light microscopic photomicrograph of a bone-porous Ti alloy implant 
interface. Note significant bone ingrowth in open porosity at the apical end of the 

implant. (Original magnification = 10x.) 
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45.2.3 Surface Chemistry 

Considerable attention has focused on the properties of the oxide found on titanium 
implant surfaces following surface preparation. Sterilization procedures are 
especially important and are known to affect not only the oxide condition but also 
the subsequent in vitro [Swart et al,. 1992; Stanford et al., 1994] and in vivo 
[Hartman et al., 1989] biologic responses. Interfacial surface analyses and 
determinations of surface energetics strongly suggest that steam autoclaving is 
especially damaging to titanium oxide surfaces. Depending upon the purity o the 
autoclave water, contaminants have been observed on the metal oxide and are 
correlated with poor tissue responses on a cellular [Keller et al,. 1990, 1994] and 
tissue [Meenaghan et al., l979 Baler et al., 1984; Hartman et al., 1989] level. 

The role of multiple sterilization regimens on the practice of implant utilization is 
also under scrutiny. Many implants and especially bone plate systems are designed 
for repackaging if the kit is not exhausted. However, early evidence indicates that 
this practice is faulty and, depending on the method of sterilization, may affect the 
integrity of the metal oxide surface chemistry [Vezeau et al., 1991]. In vitro 
experiments have verified that multiple-steam-autoclaved and ethylene-oxide-
treated implant surfaces adversely affected cellular and morphologic integration. 
However, the effects of these treatments on long-term biological responses 
including in vivo situations remain to be clarified. 

Other more recently introduced techniques such as radiofrequency argon plasma 
cleaning treatments have succeeded in altering metal oxide chemistry and structure 
[Baier et al., 1984; Swart et al., 1992]. Numerous studies have demonstrated that PC 
treatments produce a relatively contaminant-free surface with improved surface 
energy (wettability), but conflicting biologic results have been reported with these 
surfaces. Recent in vitro studies have demonstrated that these highly energetic 
surfaces do not necessaryly improve cellular responses such as attachment and cell 
expression. This has been confirmed by in vivo studies which indicate that the 
overall histologic and ultrastructural morphology of the bone-implant interface is 
similar for plasma-cleaned and dry-heat-sterilized implant surfaces [Albrektsson et 
al., 1983]. Another promising technique for the sterilization of implant materials is 
the exposure of the implant surface to ultraviolet light [Singh and Scbaff, 1989] or 
gamma irradiation [Keller et al,. 1994]. Both these methods of sterilization produce 
a relatively contaminant-free thin oxide layer which fosters high levels of cell 
attachment [Keller et al, 1994] and inflammatory-free long-term in vivo responses 
[Hartman et al, 1989]. Currently, gamma irradiation procedures are widely used for 
the sterilization of metallic dental implant devices. 

45.2.3.1 Metallic Corrosion. Throughout the history of the use of metals for 
biomedical implant applications, electrochemical corrosion with subsequent metal 
release has been problematic [Galante et al., 1991]. Of the biomedical metal 
systems available today, Ti and its major medical alloy, Ti—6Al—4V, are thought 
to be the most corrosion resistant; however, Ti metals are not totally inert in vivo 
[Woodman et al., 1984]. Release of Ti ions from Ti oxides can occur under 
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relatively passive conditions [Ducheyne, 1988]. Whereas other factors such as 
positioning of the implant and subsequent biomechanical forces may play important 
roles in the overall tissue response to implants, it is not unreasonable to predict that 
electrochemical interactions between the implant surface and host tissue may affect 
the overall response of host bone [Blumenthal and Cosma, 1989]. For example, it 
has been shown by several groups [De Porter et al., 1986; Keller et al., 1987]  that 
the percentages of intimate bony contact with the implant is inconsistent, at best, 
and generally averages approximately 50% over a 5-year period. Continued studies 
involving the effects of dissolution products on both local and systemic host 
responses are required in order to more fully understand the consequences of 
biologic interaction with metal implants. 

45.2.3.2 Future Considerations for Implant Surfaces. It is clear that future efforts 
to improve the host tissue responses to implant materials will focus, in large part, on 
controlling cell and tissue responses at implant interfaces. This goal will require 
continued acquisition of fundamental knowledge of cell behavior and cell response 
to specific materials’ characteristics. It is likely that a better understanding of the 
cellular-derived extracellular matrix-implant interface will offer a mechanism by 
which biologic response modifiers such as growth and attachment factors or 
hormones may be incorporated. Advancements of this type will likely shift the 
focus of future research from implant surfaces which as osseoconductive 
(permissive) to those which are osscoinductive (bioactive). 

DEFINING TERMS 

Amorphous zone: A region of the tissue-implant interface immediately adjacent to 
the implant substrate. This zone is of variable thickness (usually <1000 A), is free 
of collagen, and is comprised of proteoglycaris of unknown composition. 

Calcium phosphate: A family of calcium- and phosphate-containing materials of 
synthetic or natural origin which are utilized for implants and bone augmentation 
purposes. The most prominent materials are the tricalcium-phosphate- and 
hydroxyapatite-based materials, although most synthetic implants are a mixture of 
the various compositions. 

Contact guidance: The theory by which cells attach to and migrate on substrates of 
specific microstructure and topographic orientation. The ability of the cell to attach 
and migrate on a substrate is related to the cytoskeletal and attachment molecules 
present on the cell membrane. 

Junctional epithelium: The epithelial attachment mechanism which occurs with 
teeth, and has been observed infrequently with implants by some researchers. Less 
than l0 cell layers thick, the hemidesmosomal attachments of the basal cells to the 
implant surface provide a mechanical attachment for epithelium and prevent 
bacterial penetration into the sulcular area. 

Osseointegration: A term developed by P.I. Branemark and his colleagues 
indicating the ability of host bone tissues to form a functional, mechanically 
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immobile interface with the implant. Originally described for titanium only, several 
other materials are capable of forming this interface, which presumes a lack of 
connective tissue (foreign body) layer. 

Plasma spray: A high-temperature process by which calcium-phosphate-containing 
materials are coated onto a suitable implant substrate. Although the target material 
may be of high purity the high-temperature softening process can dramatically 
affect and alter the resultant composition of the coating. 
 
 
 
 

 

 

 

 

 

 

 

 

 

 

 

 


