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INTRODUCTION

Approximately 125 million people in the United States are missing some of their teeth;
nearly 42% of those over age sixty-five are totally edentulous (Schnitman, 1993). Efforts to
replace missing teeth typically involve the use of full or partial dentures. Dentures, however,
are known to cause a continuous resorption of the underlying bone while restoring only 25%
of the patient's normal masticatory function (Niznick, 1985). The use of dental implants has
been investigated for many years as a potentially superior method of tooth replacement which
can dramatically improve the patient's oral health and quality of life. The development of the
Branemark implant system in the late 1960's, with its extensive documentation and 10 to 15
year implant lifetimes, moved dental implantology into the realm of standard dental practice
(Branemark, 1977; Zarb, 1983; Branemark et al., 1985). The use of dental implants
increased 73% between 1986 and 1990 with 435,685 implants placed in 1990 (Stillman and
Douglass, 1993).

Dental implants are intended for permanent use. According to Albrekttson and Sennerby
(1991), however, many popular implant systems are not sufficiently reliable over a five year
period. Implant failure, which typically involves the loss of prosthesis function and
associated pain at the implant site, is usually caused by severe bone resorption surrounding
the implant surfaces (Ko et al., 1992). Dental implants are predominantly manufactured
from titanium-based alloys, but it is generally held that the use of a bioactive ceramic material
could improve implant longevity (Marquis, 1993). This is primarily because bioactive
ceramics are composed of calcium and phosphate which are the major constituents of bone.
They are not only much more biocompatible than metals; they also form a chemical bond
with bone and seem to induce quicker bone healing (Yukna, 1991). Calcium phosphate
bioceramics, however, are inherently weak in tension and tend to degrade in vivo which
further weakens them (Ducheyne and McGuckin, Jr., 1990).

Dr. Thomas McGee at lowa State University has developed a composite material termed
osteoceramic, which combines a calcium phosphate bioactive ceramic with an inert ceramic,
magnesium alumina spinel. Osteoceramic is extremely biocompatible, forms a chemical
bond with the surrounding bone, and its strength does not degrade in vivo (Tweden, 1987).
While the osteoceramic is stronger in tension than either of its components, it is questionable
whether its tensile strength (o ~ 70 MPa) is adequate for use as a dental implant.



This study uses finite element analysis (FEA) of a two-dimensional (2-D), plane strain
finite element model (FEM) to determine the stresses and strains in an osteoceramic dental
implant and its surrounding bone. The finite element method is a computerized numerical
technique of stress analysis which has been used in dental research since the early 1970's
(Farah et al., 1973). Finite element analysis has been used with two-dimensional (2-D),
axisymmetric, and three-dimensional (3-D) finite element models to determine the stresses
and strains in natural teeth, dental implants and their surrounding bone (Craig, 1986).

In a previous study (Niederauer, 1990), osteoceramic composite dental implants were
placed in the premolar region of 10 dogs. In this study, a 2-D finite element model (FEM)
was created from a scanned image of the central slice of one of the implants retrieved by
Niederauer (1990). Numerous finite element analyses were performed throughout this study
based upon this original FEM, as well as variations of this model.

Specifically, this study was composed of three separate investigations. The objective of
investigation #1 was to estimate the magnitude and location of the maximum tensile stresses
that an osteoceramic dental implant might experience in response to typical physiological
loads. Investigation #2 explored the effects of three simple design modifications upon the
stresses and strains in the implant and the surrounding bone in comparison to the
osteoceramic dental implant design that was used in the previous study (Niederauer, 1990).
The objective of investigation #3 was to determine the effect of cancellous bone modeling
upon finite element analysis results. All finite element analyses of dental implants model the
cancellous bone surrounding the implant as if it were a homogeneous material, but it is
actually inhomogenous (Brunski, 1992). Three cancellous bone models were created, and
finite element analysis results from each model were evaluated and compared to one another.



LITERATURE REVIEW

The literature review begins with an in-depth presentation of the physical and mechanical
properties of bone. The composition, organization, material and strength properties of bone
and how it adapts to mechanical loading and in the presence of a dental implant will be
presented. The second portion of the literature review pertains to the subject of dental
implants. This section begins with a review of the anatomy and biomechanics of a natural
tooth and is followed by an overview of the general principles associated with the design of
dental implants. The types of implants currently used, the success rates, and the factors that
contribute to the fate of endosseous dental implants are then discussed. The last portion of
the literature review is concerned with the method of analysis used in this study to determine
the stresses and strains in a dental implant and surrounding bone. Finite element analysis
theory is presented and is followed by a description of the finite element process. Current
practices and assumptions made in the creation of finite element models are then discussed in
addition to some of the results obtained in previous studies associated with finite element

analyses of dental implants.

Bone

A dental implant can perform the normal chewing, grinding and stress transfer functions
of a missing tooth only if it is firmly fixed within the bone of the mandible or maxilla.
Initially, the success of a dental implant depends on how the bone responds to both the
surgical implantation procedure and the artificial implant material. Assuming that this
response is positive, the bone and implant will become either mechanically or chemically
bonded to form an interface that is strong enough to withstand physiological loading. Bone
adjacent to the implant, however, must not be subjected to stresses or strains that are too
large (Imamura et al., 1990) or too small (Smith et al., 1976; Goodship et al., 1979; Lanyon
et al., 1982; Rubin and Lanyon, 1985; Meade, 1989; Jee and Li, 1990) because the bone
will "dissolve" or resorb in response and disrupt the interfacial bond. Due to the importance
of bone in determining the fate of a dental implant, this section of the literature review
presents an extensive overview of bone including its composition, organization, mechanical

properties, and adaptation characteristics.



Bone composition
Bone is a highly ordered, living, connective tissue. It is composed of specialized cells

embedded within an extracellular matrix. The three cell types unique to bone tissue, which
make up approximately 2% of its total weight, are osteoblasts, osteocytes and osteoclasts.
Osteoblasts, which tend to be organized as a continuous layer of cells lining the bone tissue,
synthesize the organic portion of the bone matrix and store the inorganic materials used in
mineralization (van Mullem and Maltha, 1984). Osteocytes are osteoblasts that have become
encased in their own mineralized secretions. Osteocytes have cellular processes which
extend to, and are in contact with, other bone cells via channels called cannaliculi. The
osteocytes coordinate the maintenance of the bone matrix, synthesize organic materials at a
much slower rate than osteoblasts, and are also capable of removing matrix to maintain blood
calcium levels (Banks, 1986). Osteoclasts are multinucleated giant cells which dissolve bone
mineral and digest organic matrix. They are continually active, motile cells, which are found
in areas where bone resorption takes place (van Mullem and Maltha, 1983).

Extracellular bone matrix is a viscous, gel-like substance containing water and various
organic and inorganic constituents which account for approximately 10%, 30%, and 60% of
the total bone weight, respectively (van Mullem and Maltha, 1983). Factors such as age,
species, health, bone type and configuration, however, all influence the exact compositions
of these components (Banks, 1986). Collagen, which is a strong but flexible structural
protein, comprises approximately 90% of the organic matrix. The remaining 10% is an
amorphous ground substance containing water, polysaccharide/protein complexes and
numerous organic factors related to cell and matrix maturation and matrix mineralization
(Roberts et al., 1987). The inorganic or mineral phase of bone consists primarily of
hydroxyapatite crystal, Cas(PO4)30H, which organizes along collagen fibrils during
mineralization. Initial mineralization involves about one half of the mineral-holding capacity
of bone, and 100% mineralization may be achieved within one year (Banks, 1986).

Bone organization
The primary constituents of bone tissue, as described above, may be combined in two

different ways to form two types of osseous tissue. The first type is called woven, immature
or primary bone, while the second tissue type is referred to as lamellar bone. These tissues
can be further categorized according to their morphological configurations as cortical or

cancellous bone.



Tissue types
Woven bone Woven bone is characterized by rapid growth (30-50 pm/day), high

cellularity, low mineral content, random collagen fiber orientation and minimal strength
(Roberts et al., 1987). Woven bone is usually a temporary tissue that exists primarily in
fetal bone and at repair and pathological sites in adult bone (Bourne, 1956). Some woven
bone persists in the adult skeleton in areas such as tooth sockets and near cranial sutures and
sites of tendon and ligament attachments (Junqueira and Carneiro, 1983). An important
feature of woven bone is that, unlike lamellar bone, it can form de novo which means that it
doesn't require any pre-existing osseous or cartilaginous surface. Primary bone offers
mechanical support during development and repair until it is slole replaced by lamellar or
mature bone.

Lamellar bone The second type of osseous tissue produced by bone cells, which is
predominant in the adult skeleton, is called lamellar or mature bone. Lamellar bone is a
secondary or replacement tissue that is densely mineralized and highly organized. It forms
slowly (~6 pm/day) on pre-existing bony or cartilaginous surfaces (Roberts et al., 1987).
Collagen and its associated minerals are organized in sheets or lamellae that are
approximately 3-7 pm in width (Junqueira,1983). Lacunas containing osteocytes are
distributed in an ordered manner between, and sometimes within, these lamellae. Collagen
fibrils tend to lie within the plane of each lamellae in a generalized preferred direction that
varies from O to 90 degrees between successive lamellae. A ring of interlamellar bone about
.1 pm thick, which has a high mineral content and little collagen, is thought to separate

adjacent lamellae (Currey, 1984). Lamellar bone is much stronger than woven bone.

Morphological configurations The next level of organization describes the
arrangement of osseous tissue into two distinct morphological configurations. These
configurations, illustrated in Figure 1, are referred to as cancellous (spongy or trabecular)
bone, and compact or cortical bone. They are macroscopic in nature and are classified
according to the degree of porosity present within the bone tissue (Banks, 1986).

Cortical bone  Cortical bone is dense and contains pores which are not visible to the
naked eye. These pores contain osteocytes, osteocytic processes, capillaries and resorption
sites (Currey, 1984). Compact bone forms the outer shell of all bones and is usually
composed of lamellar bone that is arranged into concentric, interstitial or circumferential
lamellar patterns (Bourne, 1956). Concentrically arranged lamellae form primary or
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secondary osteons (Haversian systems) that are approximately 200 tm in diameter and 1 to 2
cm long (Cowin, 1991). Primary osteons form at the periosteal surfaces as small cylinders
containing just a few lamellae that surround an osteonal canal which contains blood vessels,
vasomotor nerves and endosteal cells. Secondary osteons may be formed around any pre-
existing vascularized tunnel such as the osteonal canal of a primary osteon (Banks, 1986).
This tunnel is expanded by osteoclastic erosion until the cavity approaches a diameter of
approximately 100 um. The walls of the cavity are then made smooth, and bone is deposited
on the internal surface in concentric lamellae (Currey, 1984). Unlike primary osteons,
secondary osteons contain cement lines that are 1 to 5 um thick and separate the osteon from
the rest of the matrix. Cement lines are indicative of the point where resorption stops and
osteoblast bone formation begins (Martin and Burr, 1989). The existence of these cement
lines, coupled with the fact that secondary osteons have larger vascular channels than
primary osteons, indicates that secondary osteons may be mechanically weaker than primary
osteons (Currey, 1984; Martin and Burr, 1989). Secondary osteons are continually
destroyed (resorbed) and rebuilt during growth and the normal maintenance of adult bone
(Junqueira, 1983). Interstitial lamellae are located in the angular spaces that occur between
osteons and usually consist of remnants of old, eroded Haversian systems (Bourne, 1956).
Circumferential lamellae occur at the free surfaces of compact bone where Haversian systems
give way to lamellae that conform to the surfaces of the bone. Figure 2 illustrates all three
lamellar patterns.

Cancellous bone  Cancellous bone is a highly porous material with pores that are

visible to the naked eye. Adult cancellous bone material is usually composed of primary
lamellar bone or secondary osteon bone fragments that are arranged in a three dimensional
lattice (Currey, 1984). This lattice is composed of spicules or trabeculae that are actually
avascular plates and/or rods of bone material (Banks, 1986). The spicules are short and
often supported by transverse struts so that the risk of buckling is minimized (Currey,
1984). Trabeculae are efficient in resisting compression, and they tend to allign themselves
along lines of stress (Banks, 1986). Spongy bone is usually contained within cortical bone
shells, and the struts transfer stress from one part of the cortical shell to another.
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Materials that have elastic properties which do not vary with respect to direction are
classified, in terms of their symmetry, as isotropic. They are fully characterized by the

determination of only two independent quantities, such as the modulus of elasticity (E) and
Poisson's ratio (v). The modulus of elasticity is defined as the slope of the linear portion of

a curve in which the stress (o) applied to a test specimen is plotted versus the strain (g)
experienced in response. Strain, which is usually measured in microstrain (i.e., 10 -6
mm/mm), is defined as the fractional change in dimension experienced by a loaded structure.
The larger the modulus of elasticity is, the stiffer the response of the material to an applied
load. Poisson's ratio is the ratio of the strain perpendicular to the direction of loading to the
strain parallel to the loading direction.

Since the elastic properties of bone tissue vary with direction, bone is not isotropic, but
rather, it is classified as an anisotropic, nonhomgeneous, slightly nonlinear, viscoelastic
material (Cowin et al., 1987). Most studies that analyze the stress and strain properties of
bone make the assumption that it is linearly elastic with the constitutive equation

Tij = CijklEk (1)
where:
Tij = stress tensor,

Ek|= infinitesimal strain tensor,

Cijkl = elasticity tensor.
The assumption of linear elasticity is thought to be valid because physiologic loads tend to
fall within the range where bone behaves very similarly to a typical, linear elastic material

(Currey, 1984). Table 1 shows an equivalent, single-index notation that is often used to
describe an equivalent, but more manageable, constitutive equation

si = Cijej (2)

where Cjj is known as the stiffness matrix.
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Table 1. Equivalent notations for stress and strain (Cowin, Van Buskirk and Ashman,

1987)

Stresses Strains

s1=T11 el =El1

s2=T22 e2=E22

s3 =T33 e3 =E33
s4=T23=T32 e4 =2E33 =2E32
s5=T13=T3] es=2E13 =2E3]
s6=T12=T21 e6=2E12 =2E?2]

Material symmetry The most general type of symmetry that has been assigned to
bone tissue is that of orthotropy in which the material and mechanical properties vary in each
of three mutually perpendicular directions. Katz and coworkers (Yoon and Katz, 1976,
1979; Katz, 1980) suggest that cortical lamellar bone is orthotropic, but that cortical
Haversian bone has a greater degree of symmetry, that of transverse isotropy, due to its
osteonal microstucture. Ashman et al. (1984) have done extensive work using ultrasonic
testing to determine the elastic constants of both cortical and trabecular bone. They consider
all cortical bone to be orthotropic because they feel that it is often difficult to differentiate
between lamellar and Haversian bone or some combination of the two. They also assert that
it is fairly rare to find bone that exhibits the hexagonal close packing that is necessary to
exhibit transversely isotropic behavior. If bone is assumed to be orthotropic, then the
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following represents the stiffness matrix:

Cu C co 0O 0 0
c. ¢z ¢cx 0 0 O
Ca Cun C» 0 0 0
(]
0 0 0 ¢« O O
0 0 0 0 cs 0 (3)
0 0 0 0 0 cw

Of the twelve non-zero components, only nine are independent.

Many researchers assume the symmetry of cortical bone to be transversely isotropic
(Lang, 1970; Reilly and Burstein, 1975; Yoon and Katz, 1976). A transversely isotropic
material has similar elastic properties in two directions which are significantly different from
those in the third orthogonal direction. The plane of isotropy is taken to be the transverse or
y-z plane in long bone. This is generally perpendicular to the long or x axis of the osteons
(Figure 3). The unique direction is along the x or longitudinal axis of the bone. According to
Reilly et al. (1974), in each type of cortical bone architecture, the principle direction of the
osteons is along the bone axis so that the stiffness is always greatest in the longitudinal
direction while the elastic properties in the transverse or y-z plane are fairly isotropic and
very different from those in the longitudinal plane ( Keaveny and Hayes, 1993). Reilly et al.
(1974) also reported that the elastic properties of cortical bone were similar for both tension
and compression. A transversely isotropic material has 12 non-zero components, of which
only five are independent, since C1] = C22, C13 =C23,C44 = C55 and Ce6 = 1/2(C] 1-
C12)-

Technical constants  The stiffness coefficients of cortical bone as described above
are directly proportional to the technical constants, E, G, and v. The magnitude of one of

these technical constants, the modulus of elasticity, E, depends upon the precise nature of the
bone and its microstructure and normally ranges from 7-30 GPa for the longitudinal
orientation (E3) of mature compact bone in the wet condition (Bonfield and Grynpas, 1977).

Table 3 lists the technical constants for human and canine bone as determined by various

researchers.
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Figure 3. Typical long bone configuration which shows the orientation of the ostcons
relative to the long or x axis of the whole bone



Table 2. Technical constants for human and canine bone

Group Reilly and Knets Ashman Ashman Ashman and Ashman
Burstein et al. et al. et al. van Buskirk et al.
(1975) (1977) (1984) (1984) (1987) (1985)
Bone Femur Tibia Femur Femur Mandible Mandible
Species Human Human Human Canine Human Canine
Ej2 (GPa) 11.5 6.91 12.0 12.8 10.8 7.39
E2 (GPa) 11.5 8.51 13.4 15.6 13.3 7.39
E3 (GPa) 17.0 18.4 20.0 20.1 19.4 7.39
G12 (GPa) 3.6 2.41 4.53 4.68 3.81 2.63
G13 (GPa) 33 3.56 5.61 5.68 4.12 2.63
G23 (GPa) 3.6 491 6.23 6.67 4.63 2.63
V12 0.58 0.49 0.376 0.282 0.309 0.403
V13 0.31 0.12 0.222 0.289 0.249 0.403
v23 0.31 0.14 0.235 0.265 0.224 0.403
V21 0.58 0.62 0.422 0.366 0.381 0.403
V31 0.46 0.32 0.371 0.454 0.445 0.403
V32 0.46 0.31 0.350 0.341 0.328 0.403

&1

aThe I-direction is radial (Z), the 2-direction is transverse (Y), and the 3-direction is axial (X).
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Stress-strain curve  The elastic properties of bone are often determined by
mechanical testing. A load is applied to bone either perpendicular to (transverse plane) or
parallel to (longitudinal plane) the long axis of a bone of a known cross-sectional area. The
deformation of the bone is measured and the stress applied to the bone (force/area) is plotted
versus the resultant strain. Stress-strain curves yield some very important information
regarding the mechanical performance of the material of interest in the plane of the applied
load. Figure 4 shows two typical stress-strain curves for human cortical bone subjected to

uniaxial, monotonic, tensile and compressive mechanical testing in the longitudinal plane.

TENSION COMPRESSION
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Figure 4. Stylized stress-strain curves for human cortical bone specimens tested in tension
and compression (Carter and Spengler, 1978)
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Each of the curves in Figure 4 has an initial elastic region that is nearly linear, and its
slope determines the modulus of elasticity in the plane of the applied load. The point where
the curve deviates from a straight line indicates the yield point of the material in question.
Since a material such as bone does not exhibit an abrupt deviation from the straight line
portion of the curve, the yield stress and strain are defined as the point where a line drawn
parallel to, and 0.2% offset from, the straight line portion of the curve intersects the curve
itself. The portion of each curve between the yield point and the ultimate failure point (point
X) represents nonelastic or plastic deformation that "reflects diffuse, irreversible
microdamage introduced throughout the bone structure" (Carter and Wright, 1986). The
curves in Figure 5 illustrate that cortical bone is stronger in compression and in the
longitudinal direction. Note that during both compression and tensile testing, yield strengths
are approximately equal to their respective ultimate strengths. This means that if a bone is
loaded close to its yield point that it is close to fracture and will undergo a relatively large
deformation just before fracture (Keaveny and Hayes, 1993a).
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Figure 5. Stress-strain plots for human cortical bone for tensile and compressive loading in
both the longitudinal and transverse loading directions (Gibson and Ashby, 1988)
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Cortical bone can act in a relatively ductile or brittle fashion depending on the loading
direction and whether tension or compression is applied. The total energy per unit volume
absorbed by a material upon loading is equal to the total area under the stress-strain curve.
For both compressive and tensile loading in the long direction, cortical bone is a tough or
ductile material since it can absorb substantial energy before fracture occurs. Also, bone is
tougher under compression than tension. Thus bone has a lower resistance to loading that
causes tensile stresses in the transverse plane (Keaveny and Hayes, 1993a). For transverse
loading, bone is also tougher in compression than in tension. In tension it acts as a relatively
brittle material.

Reilly and Burstein (1975) studied the relative contributions of collagen and mineral to
the elastic properties of bovine Haversian cortical bone and suggested that the mineral
contributes the major proportion of the tensile strength, but the magnitude of the plastic
modulus is due to the properties of collagen which also contributes slightly to the tensile
strength of bone. They also found that the degree of mineralization has a strong influence on
the strength and modulus, but it has little influence on the yield strain. This seems to
confirm the belief of Currey (1970) that tissue yield strain might be the most valuable
quantity in determining bone tissue yielding.

Strength  The uniaxial strength of cortical bone depends upon both the direction of
loading and whether the loading is tensile, compressive, or torsional (Cezayirlioglu et al.,
1985; Pope and Outwater, 1974; Reilly and Burstein, 1975). Figure 5 shows stress-strain
plots for human cortical bone subjected to tensile or compressive loading in the longitudinal
or transverse planes. Table 3 lists the ultimate strengths of human femoral cortical bone as
determined by Reilly and Burstein (1975). It is important to remember that the information
in Figure 5 and Table 3 relates the strength of cortical bone subjected to uniaxial loading
only.

Carter and Hayes (1976b, 1977c) found that the elastic modulus and compressive
strength of bone were strongly related to the strain rate (de/dt) raised to the 0.06 power.
Carter and Caler (1983) reported that the ultimate tensile strength of bone was related to the
strain rate in the following manner:

o = 147 de/dt 0-055 MPa 4)
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Table 3. Ultimate strength properties of human cortical femoral bone
(Reilly and Burstein, 1975)

Tension 133
Longitudinal (MPa) Compression 193
Tension 51
Transverse (MPa) Compression 133
Shear MPa) - o

In vivo, bone often experiences complex, multiaxial loading. It is important, therefore,
to experimentally determine the strength of bone when it is exposed to this type of loading.
A mathematical expression, or failure criterion, can then be determined for predicting the
failure of bone for any combination of loads. A generalized failure criterion called the Tsai-
Wau criterion (Tsai and Wu, 1971) has been applied in a simplified form (assuming
transverse isotropy) by Cezayirlioglu et al. (1985) and Reilly and Burstein (1975) to cortical
bone. This criterion accounts for both the anisotropy and the different strengths of bone in
compression and tension. Application of the Tsai-Wu criterion by Cezayirlioglu et al. (1985)
indicates that the tensile and compressive strengths of cortical bone are reduced as shear
stresses from torsional loads are applied.

Cortical bone is mainly subjected to repetitive, low magnitude forces that impart stresses
within the bone that are generally smaller than those that would cause fracture during
monotonic loading. Cyclic loading of bone sometimes causes microstructural damage. If
damage does occur and accumulates over time, then the strength of the bone is compromised
(Carter and Hayes, 1977b). The resultant mechanical properties of bone subjected to this
type of loading are referred to as the fatigue properties of bone. It is believed that bone
remodeling, which occurs continually, may repair the microcracks that do occur in vivo from
the cyclic loading of bones that occurs during daily activity (Burr et al., 1985; Burr and
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Stafford, 1990; Frost, 1960). According to Carter et al. (1981), the fatigue life of bone is
correlated with the difference between maximum and minimum strain values of the applied
cyclic strain. The greater the strain range associated with a particular loading is, the fewer
cycles it takes for fatigue damage to occur, and, conversely, the smaller the strain range is,
the greater the fatigue life. Fatigue life of cortical bone was found to decrease by a factor of
3 when temperature was increased from 21° C to 45° C (Carter and Hayes, 1976a).
Schaffler et al. (1989) found fatigue damage increases with increasing strain rate, and Caler
and Carter (1989) reported that the fatigue life for cortical bone loaded in uniaxial
compression is greater than when it is loaded in uniaxial tension. Cortical bone has a fatigue
mechanism similar to that of oriented, short-fibered, composite materials which involves
crack initiation, propagation and final fracture (Carter and Hayes, 1977a; Martin and Burr,
1989; Wright and Hayes, 1976a). Lacunae and canaliculi may act as crack initiators because
they represent areas of local stress concentrations. This implies that cracks are started easily
in bone (Keaveny and Hayes, 1993). These cracks may induce bone remodeling which
results in repaired cracks and a decrease in local stress concentrations (Burstein et al. 1972a).

Viscoelasticity A material is viscoelastic if any of its mechanical properties are time
dependent. The mechanical properties of bone are affected by how fast (strain rate) and how
long (creep) loads are applied.

Strain rate  Typical physiological strain rates encountered in vivo are .001 s-1 for a
slow walk, .01 s-1 during a brisk walk and .03 s-! during a slow run (Lanyon et al., 1975,
1981, 1982; Nunamaker et al., 1990; O'Connor et al., 1982; Robertson and Smith, 1978).
Strain rate typically increases as activity becomes more strenuous. Figure 6 shows the effect
of strain rate upon the material and strength properties of cortical bone. This graph
demonstrates that the modulus of elasticity of cortical bone increases with increasing strain
rate, but that for the range of typical daily activity (.001 s ~1to .01 s-1 ) E doesn't change
appreciably (Crowninshield and Pope, 1974; McElhaney, 1966; Wright and Hayes, 1976b).
Figure 6 also shows that cortical bone exhibits a ductile to brittle transition as strain rate
increases, but that in the normal physiological range ( < 0.1 s -1 ductility increases.
Finally, Figure 6 shows that the yield and ultimate strength of cortical bone increases with
increasing strain rate which means that cortical bone is stronger during more strenuous

activity.
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Figure 6. An illustration of the strain rate dependence of the stress-strain curve
(McElhaney, 1966)
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Creep Cortical bone also exhibits creep behavior because it continues to deform
when subjected to a constant stress for an extended period of time (Caler and Carter, 1989;
Carter and Caler, 1983; 1985; Fondrk et al., 1988). This means that, if cortical bone is
loaded for enough time, creep fractures may occur even though the stress level may be well
below the yield and ultimate strengths. Figure 7 indicates that the time necessary to cause
creep fracture decreases with increasing stress and that the resistance to creep fracture is
greater when bone is subjected to compression versus tension (Caler and Carter, 1989). If

creep occurs without fracture, the bone experiences permanent deformation upon unloading

(Fondrk et al., 1988).
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Figure 7. Creep fracture stress for human cortical bone in tension and compression as a
function of the time to failure (Caler and Carter, 1989)
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Figure 8 shows that, if the applied stress is greater than a threshold value of about 70
MPa or 55% of its ultimate strength (of human cortical bone subjected to tensile longitudinal

loading), the rate and magnitude of permanent deformation increases substantially (Fondrk et
al., 1988).
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Figure 8. Typical stress-time curves, illustrating the viscoplastic behavior of human
cortical bone (Fondrk et al., 1988)

Mechanical properties of trabecular bone

Trabecular bone material In 1892, Wolff suggested that cortical bone is just a
more dense cancellous bone (Cowin, 1989). This is certainly a reasonable assumption
because, looking at Table 4, it is obvious that the chemical composition of both types of
bone are very similar. The major difference between the two types of bone is that the water

fraction is greater and the ash fraction is less for trabecular bone than for cortical bone.
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Table 4. Results of hydrated bone assays for trabecular and cortical bone for four species
(Gong et al., 1964)

Water Organic Volatile
Specific fraction vol%  Ash fraction fraction inorganic
Species Gravity vol% vol% fraction vol%

Trabecular bone (vertebral bone)

Human being 1.92 27.0 339 349 4.2
Monkey 1.89 27.1 32.9 36.1 4.0
Cow 1.93 28.1 335 34.2 42
Dog 1.91 28.8 32.6 34.5 4.2
Cortical Bone (tibial and femoral bone)
Human being 1.99 23.9 31.7 33.8 4.6
Monkey 2.04 23.7 38.2 33.7 4.7
Cow 2.00 25.2 36.6 33.6 4.6
Dog 2.00 22.3 36.8 36.3 4.6

Research by Carter and Hayes (1976b, 1977¢) and Keller et al. (1990) indirectly
supports Wolff's hypothesis, but others report that the elastic properties of individual
trabeculae are less than those of cortical bone (Rho et al., 1993; Ashman and Rho, 1988;
Choi et al., 1989, 1991; Ku et al., 1987; Kuhn et al., 1989; Mente and Lewis, 1987:
Townsend et al., 1975). An emerging consensus seems to be that the modulus of elasticity
of trabecular bone tissue is approximately 20-30% less than that of cortical bone tissue
(Keaveny and Hayes, 1993). This variation is thought to arise from slight differences in the
mineralization and microstructure between the two materials (Choi, 1990; Hodgskinson and
Currey, 1989). Rho et al. (1993), in surveying the literature, found that the various
measurements and estimates of the modulus of elasticity of trabecular bone material ranged
from 0.76 to 20 GPa. They evaluated the weaknesses in the various procedures used to
determine these values and whether these weaknesses would overestimate or underestimate
the actual values. They concluded that the modulus of elasticity of trabecular bone material is
probably closer to the upper end of the range of values determined from bending tests (3.2 to
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7.8 GPa) and the lower end of the range of values determined by tensile testing (8.7-12.7
GPa).

Bulk trabecular bone Trabecular bone material properties are usually measured
from bulk trabecular bone test specimens that contain many trabeculae (Martin, 1991). It is
assumed that the resultant macroscopically determined material properties combine the
mechanical effects of variations in the trabecular architecture with those in the real bone
material properties (Martin, 1991). The material properties of bulk cancellous bone can vary
considerably depending upon the anatomic location, age, the species and state of health of
the bone specimen ( Rho et al., 1993). The variables which explain the greatest amount of
variation in the material properties of bulk cancellous bone are porosity, mineralization,
apparent density, and bone architecture.

Porosity  Porosity is the fraction of the bulk bone volume (intertrabecular spaces
plus bone material) that is occupied by the intertrabecular spaces or pores that are filled with
soft tissue. Since the stiffness and strength of these marrow spaces is much less than that of
the bone material itself, it makes sense that as the porosity of the bulk material increases, its
strength and stiffness decrease.

Mineralization The degree of mineralization of a given bone is the mass of the
mineral portion of the solid bone matrix divided by the combined mass of the organic and
mineral components. Mineralization is largely governed by rates of bone modeling and
remodeling since new bone takes about six months to reach full mineralization (Martin,
1991). Currey (1969 a,b) and Burstein et al. (1975) determined that the mechanical
properties of bone are very sensitive to the degree of mineralization of the bone matrix with
either a linear or exponential increase in bone stiffness with increasing mineralization. More
recent experiments, however, have determined that bone strength is not related to
mineralization in any strong, positive way (Currey, 1990) or that there is even a negative
correlation between mineralization and strength (Martin and Ishida, 1989; Martin, 1990).

Apparent density  Apparent or bulk density refers to the mass of the bone material
divided by the total volume of the specimen which includes any voids. Apparent density,
then, is a function of both porosity and the degree of mineralization. Ashman and Rho
(1988) found that apparent density of trabecular bone ranges from 100 kg/m3 to 1000 kg/m3
as compared to its real density (mass of bone material /volume occupied by bone only) which
ranges from approximately 1600-1900 kg/m3. Carter and Hayes (1977b) showed that the
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compressive strength (Ocf ) and the elastic modulus ( E ) of bone (combination cortical and

trabecular) were related to the square and cube, respectively, of the apparent density, d(g/cc):
ocf = 68r-06d2 (MPa) (5)
E = 3790r-0643 (GPa) (6)

where r = strain rate (s -1). Studies which used only cancellous bone specimens found that
both o¢f and E correlate better with d2 than d3 (Rice et al., 1988; Bensusan et al.,1983;
Ashman and Rho, 1988). Gibson and Ashby (1988) may have resolved this disagreement
when they analyzed trabecular bone as if it were an industrial porous foam. They found that
for open-celled porous structures (analogous to less dense trabecular bone) E is proportional
to dz; but that for closed-cell structures (analogous to dense trabecular or cortical bone) E
varies with d3. These results may explain that Carter and Hayes' (1977b) results (E o< d3)
were correct because they pooled results from both cancellous and cortical bone while the
other studies determined their results (E o d2) from trabecular bone specimens only.
Typically, differences in apparent density can explain approximately 60-80% of the variation
observed in measurements of the modulus of elasticity of cancellous bone (Keaveny and
Hayes, 1993b).

Cancellous bone architecture ~ Trabecular architecture can be described as a
combination of rod-rod, rod-plate, and plate-plate cellular structures in which rods are thin
trabeculae and plates are thicker trabeculae (Keaveny and Hayes, 1993a). The type, size and
orientation of these basic cellular structures can substantially influence the magnitudes and
anisotropy of the macroscopically measured material properties of cancellous bone (Brown
and Ferguson, 1980; Ducheyne et al., 1977; Evans, 1973; Galante et al., 1970; Goldstein et
al., 1983: Hvid and Hansen, 1985; Jensen et al., 1991; Mosekilde and Mosekilde, 1988;
Mosekilde et al., 1985; Townsend et al., 1975). Cancellous bone, in some anatomic sites
such as the proximal humerus, is nearly isotropic, but in other sites such as the lumbar
spine, it is highly anisotropic (Keaveny and Hayes, 1993a). While cortical bone anisotropy
is primarily determined by osteonal orientation, the anisotropy of cancellous bone is
dominated by the orientation of the trabecular struts. It is currently very difficult to correlate
the trabecular architecture to the elastic constants of the anisotropic material. Cowin (1985,
1986) devised a complex mathematical formulation that uses stereological principles to
describe the relationship between the stiffness of cancellous bone and its apparent density
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and trabecular orientation. Turner et al. (1990) provided experimental evidence which
indicates that Cowin's theory accounts for approximately 72-94% of the variability in the
elastic constants for cancellous bone. It is not presently possible to apply this mathematical
formulation to the cancellous bone of the mandible (Ashman, 1992; Turner, 1992).

Stress-strain _curve

Figure 9 shows stress-strain curves for trabecular bone of two different apparent
densities subjected to uniaxial compression (Carter and Hayes, 1977¢; Gibson, 1985). Note
that the elastic and post-yield behavior is dependent upon the apparent density of the

specimen.
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Figure 9. Examples of typical compressive stress-strain behavior of cortical bone and
trabecular bone of two different apparent densities (Keaveny and Hayes, 1993a)

The stress-strain curves of the trabecular bone show an initial, almost linear, elastic
region where the trabecular struts bend and compress as the bulk tissue is compressed.
Failure occurs when some struts fracture, and/or some struts buckle (Ducheyne et al., 1977,
Eurell and Kazarian, 1982; Gibson and Ashby, 1988; Hayes and Carter, 1976; Townsend et
al., 1975; Turner, 1989). As the strain continues to increase, broken struts begin to fill
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intertrabecular pores causing a final increase in stiffness as shown in the latter portion of the
curve.

The post-yield behavior of cancellous bone when subjected to tensile loading, as shown
by the stress-strain curve in Figure 10, is very different than its compressive behavior
(Carter et al., 1980; Kaplan et al., 1985; Stone et al., 1983). Failure occurs by fracture of
individual struts and leads eventually to complete fracture since the unfractured struts must

carry an increasing amount of load due to the failure of neighboring struts.
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Figure 10. Tensile stress-strain behavior of trabecular bone (Gibson and Ashby, 1988)

Strength While most evidence suggests that uniaxial tensile and compressive
strengths of trabecular bone are similar (Bensusan et al., 1983; Carter et al., 1980; Neil et
al., 1983), there is some research that indicates that the tensile strength of cancellous bone
may be less than its compressive strength (Kaplan et al., 1985; Stone et al., 1983).
According to Goldstein (1987), the ultimate compressive strength of cancellous bone ranges
from approximately 0.12 to 116 MPa. Since the post-yield load-carrying capacity of
trabecular bone is very high in compression but negligible in tension, local failure in tension
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is catastrophic (Keaveny and Hayes, 1993a). Melvin et al. (1970), Halawa et al. (1978),
Saha and Gorman (1981) and Stone et al. (1983) found the shear strength of trabecular bone
to range from approximately 1 to 21 MPa and to be, like compressive and tensile strength,
dependent upon anatomic location and direction of testing.

There is not much data available regarding the multiaxial strength of trabecular bone
(Keaveny and Hayes, 1993). Stone et al. (1983) found that the shear strength of cancellous
bone is less when it experiences torsional loading in combination with tension loading versus
torsional loading alone. Borchers (1991) reported that the strength of cancellous bone is
affected by the magnitude of the mean stress or hydrostatic pressure component. This is
consistent with Gibson and Ashby's (1988) classification of most trabecular bone as an
open-celled material which also exhibits a sensitivity of multiaxial strength to mean stress.

Although there is not much data available regarding the fatigue properties of trabecular
bone, Michel et al. (1991) suggest that the uniaxial compressive strength of trabecular bone
can be reduced by an order of magnitude after exposure to 10 6 cycles. It appears that the
resistance of trabecular bone to fatigue is greater than that of cortical bone (Keaveny and
Hayes, 1993b). The mechanism of fatigue failure appears to be fracture followed by
buckling of individual struts (Michel et al., 1991).

Viscoelasticity = While there is no solid information regarding creep in cancellous
bone, it has been determined that both the modulus of elasticity and strength show a weak
dependence upon strain rate. An increase in strain rate from 00151 (slow walk) to 0.1 s -1
(very strenuous walk) results in an increase in both the modulus of elasticity and strength of
trabecular bone material of approximately 30% (Keaveny and Hayes, 1993). It has been
demonstrated that at extremely high strain rates, such as 10 sl (gunshot wound), bone
marrow cannot flow through intertrabecular spaces. This results in the bone becoming
stiffer, stronger, and better able to absorb energy (Keaveny and Hayes, 1993a). At normal
physiologic strain rates, however, bone marrow does not contribute to the viscous behavior
of the bone (Carter and Hayes, 1976; Pugh et al., 1973b). Ochoa et al. (1991) studied the
loading of femoral heads with and without marrow and found that, in vivo, marrow may

have a stiffening effect on a bone's material properties.

Bone adaptation to _mechanical loading
Bone is a dynamic tissue that is always changing due to osteoblast and osteoclast cell

activities. Osteoblasts and osteoclasts are responsible, respectively, for the formation and
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the dissolution or resorption of bone. The variable balance between these two cell activities
allows bone to repair following injury, model and remodel during normal growth, and adapt
to various environmental conditions, in particular, the mechanical demands placed locally on
the bone. Many studies show that a reduction in normal physiological loading results in
loss of bone mass, while additional loading results in increased bone mass (Smith et al.,
1976; Goodship et al., 1979; Lanyon et al., 1982; Rubin and Lanyon, 1985; Meade, 1989;
Jee and Xi, 1990). Extreme loading beyond the physiological range, such as that applied to
cause orthodontic tooth movement, results in bone resorption, not formation (Imamura et al.,
1990). The phenomenon of functional adaptation refers to the ability of bone to respond to
some mechanical stimulus by altering its configuration and/or density to efficiently
accommodate the mechanical demands placed upon it (Wolff, 1892). While the idea of
functional adaptation is widely accepted (Rubin and McCleod, 1990), the structural goals of
modeling and remodeling and the mechanical stimuli which control the process are still
unclear. Bone adaptation occurs by two different processes termed modeling and
remodeling.

Bone modeling is an uncoupled process in which cell activation (A) results directly in
either bone formation (A-F) or resorption (A-R) on either the periosteal or endosteal surfaces
of a given bone. The periosteum is the external lining that surrounds a bone and consists of
an outer fibrous layer and an inner cellular layer. The endosteum is a cellular layer that lines
the inner surfaces of cortical bone and Haversian canals and covers the outer surfaces of each
trabecular bone strut. Modeling produces a net change in bone size or shape and occurs
mainly during growth.

Bone remodeling occurs when previously formed bone undergoes an internal
restructuring (Roberts et al., 1987) which effectively changes local material properties such
as density, stiffness, and strength (Frost, 1973). Remodeling includes all localized changes
in both osteons and trabeculae such as turnover, hypertrophy, atrophy or reorientation.
Bone
remodeling is a coupled, tissue-level process in which cell activation (A) results in a
sequence of resorption (R), quiescence or reversal (Q) and bone formation (Frost, 1964).
The length of the entire remodeling cycle (A-R(Q)-F), termed sigma, is about 6 weeks in
rabbits, 12 weeks in dogs and 17 weeks in man (Frost, 1964). Remodeling rates are greater
during growth, but unlike modeling, remodeling rates can increase significantly in adult bone
(Whedon and Heaney, 1993).
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Mechanical stimulus of bone modeling and remodeling All loads and
moments applied to bone cause the tissue to experience very small strains that are on the
order of millionths of the original dimension (microstrain or LE). Rubin and Lanyon (1982)
determined, from extensive in vivo strain gage animal studies, that in different areas of the
same skeleton, as well as across different species, bone experiences a relatively constant
pattern of strain when loaded. They found that strains experienced under peak loading
ranged from 2500-3500 pLE while routine loading produced strains in the 1000-1500
microstrain range. Irreversible bone deformation, or yield, occurs at approximately 7000 LE
(Whedon and Heaney, 1993). Since the loads experienced by various bones can differ over
several orders of magnitude, this constancy of strain suggests that the mass density of each
bone may be a response to its typical loadings (Wheadon and Heaney, 1993).

In addition to the constancy of strain distribution described above, many in vivo,
controlled loading experiments have demonstrated that the type of loading is an important
variable in the phenomenon of bone adaptation. O'Connor et al. (1982), for example,
determined that impact loading was more osteogenic than the same force applied slowly.
The importance of dynamic versus static loading was demonstrated by Lanyon and Rubin
(1985). They found that the application of a 2000 pE static load results in a 13% net bone
loss, but a 2000ULE trapezoid-shaped waveform loading applied at a frequency of 100 cycles
per day showed a 24% increase in cross sectional area. Further studies by Rubin and
Lanyon (1987) indicated that both remodeling and modeling are triggered at some cyclic
threshold of applied loading above which there is no further increase in response. Brown et
al. (1990) tried to correlate various mechanical parameter distributions in the bone, as
determined by finite element analysis, to specific sites of remodeling activity observed in a
controlled loading, in vivo model. They found that in the majority of cases (>95%) the
mechanical parameters correlated poorly with the biological response. The best correlation
(r = 0.82) occurred between new periosteal bone thickness and the distribution of the first or
most tensile principal strain. Other reasonable correlations were found in the mechanical
parameters of strain energy density (r = 0.54) and longitudinal shearing stress (0.66).

One way to describe how bone mass and form may be adapted is by using a feedback
loop described by Turner (1991) and Beaupre et al. (1990) as shown in Figure 11. The
strain under loading at any point in space and time is somehow monitored, possibly by
osteocytes, and compared to some reference or setpoint. Any significant variation generates
an error signal which controls the local resorption and deposition phases of modeling and

remodeling. The change in bone mass makes the bone more or less stiff in response to the
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same loading which returns the bone strain to the homeostatic range. This type of feedback
system is very site specific (Whedon and Heaney, 1993).

Adaptation of trabecular bone to mechanical stimulus  Hayes and Snyder
(1981) propose that trabecular struts form along preferred orientations in such a way that
bending of trabeculae is minimized. Their research indicated that trabeculae seemed to lie in
the same direction as the principal stresses that were predicted by numerical analysis.
Goldstein et al. (1990) proposed that the trabecular bone structure is adapted to minimize the
strain energy density (SED). Huiskies et al. (1987) and Fyhrie and Carter (1986) also
believe that SED is the controlling mechanical parameter. They have found positive
correlations between results of adaptive finite element simulations based on this theory and
the adaptive patterns observed in radiographs of the proximal femur. None of these theories,
however, have been applied to the adaptation of bone around dental implants.

BONE MASS FEEDBACK LOOP

AUTOCRINE FEIR =R

RESORPTION &
O & —| PARACRINE
ERROR | FORMATION FACTORS

SET POINT

MECHANICAL
USAGE SENSORS

t

Figure 11. Suggested feedback loop controlling bone mass (Whedon and Heaney, 1993)
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Bone adaptation to an implant  Implantation of an artificial material into bone
tissue will not only generate a repair healing process, but it will also influence the natural
remodeling phenomenon of the host tissue (Davies et al., 1987). There is an interaction
between the implant and the surrounding tissue that may begin at the nanometer level and
extend to approximately a millimeter away (Brunski, 1992). The extent of this interface is
dependent upon many factors including biomechanical, biomaterial, and surgical technique.
Following implantation and formation of a hematoma, either regeneration or repair will
occur. Regeneration involves replacement of the wounded region by bone, while repair
leads to the formation of non-mineralized scar tissue (Spector, 1988). If regeneration
occurs, then it is followed by bone modeling or remodeling which consolidates the bone at
the site. According to Brunski (1992), the stability of an implant in its healing site, indicated
by the amount of micromotion present, indicates whether repair or regeneration will occur.
He believes that excessive micromotion destroys the hematoma and tissue scaffold that
precedes regeneration and triggers the repair process instead. McLean and Marshall (1968)
found that when a long bone is fractured, poor immobilization results in the formation of a
cartilaginous scar, indicating that the repair process has dominated. Perren and Boitzy
(1978) found that with good fixation little or no callus forms, and the site undergoes
regeneration. Brunski (1992) found that at sham healing sites where surgery is performed,
but no implant is placed, regeneration occurs.

Interface development The development of the interface between a dental implant

and cortical bone was reported by Roberts (1988) for dental implants placed in rabbit femoral
cortical bone. Following the surgical placement of a dental implant, approximately one mm
of cortical bone adjacent to the implant undergoes necrosis. Initially, this dead bone serves
as a structural support for the implant, and it is eventually revitalized through remodeling. A
bridging callus of woven bone, which forms at both periosteal and endosteal surfaces, is the
first step towards the adaptation of alveolar bone to the implant. This callus may originate as
close as two or three mm from the implant. Roberts (1988) reported that this callus may
reach the implant surface in two weeks (four weeks and 6 weeks for the dog and human,
respectively). Gradually, over the next four weeks (eight weeks and twelve weeks for dogs
and humans, respectively), the woven bone callus fills in with lamellar bone

and becomes capable of resisting occlusal loads. At the same time that this lamellar

compaction is taking place, callus reduction is occurring in conjunction with the remodeling
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of the dead bone adjacent to the implant. During the next twelve weeks (36 weeks and 54
weeks for the dog and human, respectively), the bony interface matures via modeling and
remodeling. Maintenance of this adapted, bony interface will hopefully proceed indefinitely
via the continuous remodeling process of bone that is responsible for the lifetime

maintenance of the skeleton.

Dental Implants

Dental implants are used to directly or indirectly replace the masticatory function of
natural teeth. They provide retention for complete and partial overdentures or abutment
support for single-tooth, partial and complete arch fixed restorations (Schnitman, 1993).
This study focuses on single-tooth replacement with an endosseous, or within bone,
implant. First the anatomy and biomechanics of natural teeth and their supporting tissues or
periodontium are discussed. Second, an overview of the basic principles of dental implant
design is presented. Finally, the types of dental implants currently used are discussed. This
is followed by an evaluation of the success rates of endosseous dental implants and the
factors that contribute positively and negatively toward a successful implant outcome.

Dental anatomy
A discussion of dental implants requires a preliminary review of the anatomy of natural

teeth and their supporting tissues or periodontium. Figure 12 illustrates all the important
anatomical landmarks discussed below. It is important to remember that the apex of the
tooth is located at the base of the tooth root within the mandible or maxilla. Other reference

directions and surfaces, pertinent to dental anatomy, are shown in Figure 13.

External tooth features Figure 14 shows the anatomy of a canine tooth in a dog.
The external portion of the tooth can be divided into three major areas: the crown, the neck
and the root. The crown is the portion of the tooth that extends above the gingiva. Enamel,
which is approximately 96% crystalline hydroxyapatite, covers the surface of the crown.
Enamel is the hardest tissue in the body. It is produced by ameloblasts. Enamel is subjected
to wear and degradation by acids generated from bacterial activity. Unlike bone, enamel is
incapable of regeneration when damaged. The modulus of elasticity of enamel is thought to

range from approximately 40 to 80 GPa (Rees and Jacobsen, 1993).



The neck or cervical area is the portion of the tooth where the crown joins the root of the
tooth at the cementoenamel junction. In most animals, this is located next to the gingival
sulcus, which is the space between the gingiva and the tooth. In some animals, the
cementum is not contiguous with the enamel, resulting in either exposed dentin or an

overlapping of the enamel and the cementum.

Maxilla

incisive bone (premaxilla)

Figure 12. Canine skull (Wiggs, 1989)
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Mandible

Figure 13. Tooth surfaces and nomenclature (Wiggs, 1989)
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The root is the portion of the tooth that is apical to the neck and seated in the jaw. The
number of roots present depends upon the type of tooth and its specific position in the jaw.
The surface of the root consists of cementum, a thin layer of calcified tissue produced by
cementoblasts. Cementum is composed of approximately 60% inorganic minerals and is
therefore not as hard as enamel. Unlike enamel, cementum can regenerate.

Internal tooth features The internal components of a tooth are dentin and pulp.
Dentin is produced by odontoblasts and contains approximately 70% inorganic mineral.

This makes it softer than enamel but harder than either bone or cementum. Dentin comprises
the major portion of the tooth in a mature animal, and it is usually surrounded by enamel in
the crown, and cementum in the root. Dentin is produced throughout the life of the tooth and
has a modulus of elasticity approximately equal to 15 GPa (Rees and Jacobsen, 1992).

The pulp is located within the interior portion or pulp cavity of the tooth. In the crown,
the pulp cavity is called the pulp chamber but in the root, it is called the root canal. Pulp
emerges from the apical or base portion of the tooth root and joins with the periodontum at
either the apical foramen or delta (Figure 14). Pulp contains soft, nervous, vascular and

connective tissue.

Periodontium The periodontium is the support mechanism of natural teeth, and
consists of osseous tissue as well as the soft tissues of the periodontal ligament and the
gingiva.

Osseous tissue  Teeth are contained within the bones of the premaxillae, the
maxillae, and the mandible (Figure 12). The portion of these bones that surround and
support individual teeth is called the alveolar process (Figure 14). The outer wall of the
alveolar process is a cortical plate. The inner wall is a thin layer of perforated cortical bone
that lines the tooth socket. It is called the lamina dura. Trabecular bone is located between
these inner and outer walls and acts as a support which transfers stresses from the lamina
dura to the cortical plates. The occlusal portion of the alveolar process, which is located near
the neck of the tooth, is called the alveolar crest.
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Gingiva Gingiva is a protective layer of keratinized, stratified, squamous
epithelium that surrounds the tooth. Part of the gingiva is firmly attached to the alveolar
bone beneath it. That portion of the gingiva that is directly adjacent to the tooth, however, is
not attached to either bone or tooth, and is called the free gingiva. The resulting space
between the tooth and the free gingiva is called the gingival sulcus. The bottom of the
gingival sulcus is fused to the tooth by an epithelial attachment often called the junctional
epithelium. This junctional epithelium acts as a seal to prevent the penetration of undesirable
substances that are prevalent in the oral cavity to the underlying bone (Meffert, 1988).

Periodontal ligament The periodontal ligament (PDL) is a thin layer of connective
tissue that contains collagen and elastic fibers which surrounds the root of the tooth. These
fibers penetrate the lamina dura on one end and the cementum on the other during formation.
This attachment holds or suspends the tooth in place in its socket. The fibers in the
periodontal ligament are often called Sharpey's fibers, and, according to Tholen (1982), are
oriented in many directions so as to best absorb the various multidirectional forces of
mastication. It is also theorized by Kertesz (1993) that the combined system of blood
vessels in the periodontal ligament and the alveolar bone acts like a hemodynamic damping
system. Upon removal of a tooth, the PDL is destroyed and cannot regenerate; therefore, an
endosseous implant does not have the mechanical benefits of shock absorption and stress

distribution afforded the natural tooth by the periodontal ligament.

Biomechanics of natural teeth
Teeth are subjected to large, vertical, compressive forces which may be as great as 2440

N in humans (Brunski, 1988). Bite force magnitudes are location dependent within the
mandible. Magnitudes are approximately four times greater in the molar area than those in
the incisor area (Bidez, 1993). Teeth are also loaded in the transverse or horizontal direction
with forces on the order of 30 N (Brunski, 1992). This force component is a result of the
horizontal movement of the mandible and the inclination of the tooth cusps (Rangert et al.,
1989). Additionally, it is likely that natural teeth are subjected to shear, bending, and
torsional loads (Hylander, 1981). Masticatory forces applied to the teeth are transferred to
the lamina dura of the alveolar process by the collagen fibers of the periodontal ligament.
The stresses in the lamina dura are then transferred via the supporting trabecular struts to the
cortical bone of the mandible and maxilla (van Mullem and Maltha, 1983). Based on data
obtained regarding the maximum jaw closure speed and accelerations related to chewing, it is
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believed that a static analysis of the system is probably sufficient, since dynamics and inertial
loads don't seem to affect bite loads to any great extent (Osborn and Baragar, 1985;
Throckmorten and Throckmorten, 1985). According to Graf (1969), forces are applied to
the teeth and periodontal tissues of a human for approximately 17.5 minutes per day.

Resilience can be defined as the force, F, divided by the resultant elastic movement, s,
and is used here to describe the mobility of a tooth in response to physiologic loading. The
top graph in Figure 15 shows the two-stage mobility characteristic of a natural tooth. The
first stage is characterized by extreme mobility which is mainly due to the presence of the
periodontal ligament (Richter, 1989). The initiation of the more resilient second stage is
dependent upon the load rate as well as the magnitude of the load, as shown in the middle
graph of Figure 15 (Richter, 1989). The bottom graph in Figure 15 shows that the resilience
of a dental implant fixed in bone is approximately 10 to 100 times higher than that of a
natural tooth. This implies that it is much less mobile in response to physiologic stresses
(Richter, 1989). This immobility is explained by the fact that there is no periodontal
ligament between the implant and the bone. It represents a major difference in the
biomechanical situation between a natural tooth and a dental implant.

Principles of dental implant design

The goals of all dental implant designs are to obtain a stable fixation of the implant within
the surrounding alveolar bone and to maintain this fixation as the implant performs the
chewing, cutting, grinding, and stress transfer functions of the missing tooth and periodontal
membrane. The following principles must be considered when developing, evaluating or

choosing an implant system:

* The implant material must be biocompatible, strong enough to withstand occlusal

forces, and enduring in its strength.
* The implant must become fixed to the surrounding alveolar bone.

* The implant must transfer stresses to the surrounding bone in a manner that is
conducive to the maintenance of the bone-implant interface.

* The implant tissue must form an adequate perimucosal seal to prevent infection.
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Materials The first requirement of any proposed implant material is that of
biocompatibility. The material and any of its reaction products must be well tolerated by the
body. Dental implants are typically in contact with three different tissues: alveolar bone,
supra alveolar connective tissue and oral epithelium (dePutter, 1984). Permanent implant
materials must also maintain their mechanical integrity over time by remaining sufficiently
unreactive to body fluids. Dental implants, for example, must maintain adequate strength in
vivo to withstand the forces of mastication. ASTM standards have been developed for only
twelve specific materials for use in orthopedics or dentistry (Bundy, 1989). Metals and
ceramics are the most commonly utilized material classes in the manufacture of dental
implants (Kohn, 1992).

Metals Titanium-based metals are the predominant materials used for dental

implants because of their strength, relatively low modulus of elasticity, and perceived
chemical inertness (Kohn, 1992; Schnitman, 1993). Titanium has replaced stainless steel as
the material of choice for dental implants because of its superior resistance to corrosion. It
has also replaced cobalt chromium alloys, except in cases when the implant must be cast, due
to the poor mechanical properties and the potential for patient hypersensitivity to the elements
of these alloys (dePutter, 1984). Titanium is used in its commercially pure form (c. p. Ti) or
1s alloyed with other metals to improve its mechanical properties. Titanium-aluminum-
vanadium (Ti-6Al-4V) alloys, for example, are often used for dental implants.

The alleged chemical inertness of titanium is believed to elicit a minimal biological
response due to the formation of a stable, passive oxide surface layer. It is important to
realize, however, that any titanium-based material is not fully inert and that titanium ion
release does occur from the chemical dissolution of the titanium oxide surface layer (Healy
and Ducheyne, 1992). Another troublesome characteristic of titanium-based materials is that
they have a relatively poor resistance to abrasion (McKellop et al., 1981). Williams (1981)
questioned the biocompatibility of titanium-based materials due to reports of tissue
discoloration surrounding titanium-based implants. He felt that this discoloration was
caused by a slight diffusion of titanium through the passive oxide surface layer and/or
abrasion to the outer surface of the implant. Bruneel and Helsen (1988) reported the
presence of aluminum and vanadium elements in the tissues surrounding Ti-6Al1-4V
implants.

Because metals do not chemically bond to bone, the surface of a metal implant must be
carefully designed to provide an opportunity for mechanical interlock to form between the
implant and the healing bone. The stronger the resulting interface, the less the chance of
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implant loosening and failure (Pilliar et al., 1975; Huiskies, 1984). Smooth-surfaced metal
implants form the weakest possible interfacial attachment with bone. Textured, screw-
threaded, plasma-sprayed, and porous-coated surfaces form progressively stronger
interfaces (Kohn, 1992). An important consideration, however, is that these different
surfaces require different time intervals before adequate interlock or osseointegration can
occur. Additionally, it is important to remember that surface roughness and many other
types of surface modifications will significantly reduce the fatigue strength of the metal
(Kohn and Ducheyne, 1990).

Ceramics Ceramics are composed of metallic and non-metallic elements that are
usually ionically or sometimes covalently bonded to one another. Ceramics are hard, brittle
materials that are very sensitive to notching and microcracks. When a ceramic material is
compressed, any existing cracks or pores are closed. While a ceramic is in tension, flaws act
as stress concentrators. This explains why ceramics tend to be very strong in compression
but very weak in tension.

The use of ceramic materials for dental implants is being investigated because of the
lingering concern regarding the biocompatibility of metals. Ceramics are fully oxidized
materials that are chemically more stable than metals which oxidize only at their surface. It is
thought that ceramics will therefore elicit a less adverse biological response than metals.
Additionally, the similarity of calcium-phosphate ceramics to the major constituents of bone
mineral and their capacity to form a direct chemical bond with bone are very desirable
features. Ceramics that are sufficiently biocompatible to be placed within the body are called
bioceramics and can be classified as nearly inert or bioactive. These classifications, the use
of ceramic coatings, and a description of the ceramic-ceramic composite used in this study
will be discussed below.

Nearly inert ceramics ~ Nearly inert ceramics do not interact with surrounding

tissues to any measurable degree. This implies that, like metals, nearly inert ceramics must
utilize some form of mechanical attachment to bone. Aluminum oxide (Al203), or alumina,
is the strongest and most commonly used material of this type for dental implant
applications. Aluminum oxide is formed by sintering which means that different porosities
and densities may be incorporated. Aluminum oxide is usually used in its most dense form
because of the improved mechanical properties and decreased tendency to spread infection
(Klawitter et al., 1977). The compressive and tensile strengths of dense Al203 are
approximately 4000 MPa and 400 MPa, respectively (Hench and Etheridge, 1982). Alumina
has also shown excellent wear resistance in vive (Hulbert et al., 1987). The weakness of all
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bioceramics is their poor tensile strength and tendency towards catastrophic fatigue failures
when used in a load-bearing capacity in vivo.

Bioactive ceramics  de Groot (1983) defines a bioactive ceramic as a
bioceramic material the surface of which consists of a layer of calcium phosphate following
implantation. All bioactive ceramics have a lattice structure that is similar to calcium

hydroxyapatite which is the predominant inorganic component of bone. According to Bauer
(1990), these materials undergo chemical reactions with the physiological environment
which result in the formation of a chemical bond between the osseous tissue and the surface
of the implant. This phenomenon has been reported by many authors (Wood and McGee,
1974; Denissen and de Groot, 1979; Hench and Ethridge, 1982; de Putter, 1984; de Lange et
al., 1986). The fixation achieved by such a chemical bond is more effective than any type of
mechanical fixation. Bioactive materials induce quicker healing without the presence of soft
tissue between the bone and the implant (de Lange et al., 1986). Some bioactive materials
include glass, glass-ceramics, hydroxyapatite and tricalcium phosphate. Because these
materials do not have sufficient strength to be used as dental implants, widespread research
efforts are focused on the development of some type of composite that can utilize the
biocompatibility of a bioactive ceramic while improving its mechanical integrity.

Bioactive ceramic coatings ~ The most recent innovation in dental implant
design has been the addition of a bioactive ceramic coating to a metal substrate. Typically,
hydroxyapatite (HA) is plasma-sprayed on a metal implant. The coating is used as a barrier
between the metal and the bone to prevent the migration of wear debris and metal ion release
(Marquis, 1993). The HA coating is also believed to promote, and possibly increase, the
rate of bone formation at the interface (Steflik et al., 1992; Yukna, 1991). Finally, the HA
coating is hypothesized to yield a stronger interfacial attachment than a metal implant without
a coating due to the formation of a chemical bond between the coating and the bone.

Albrektsson and Sennerby (1991) assert that the commercial use of coated implants is
highly premature due to inadequate testing, evaluation and documentation. Listgarten et al.
(1992) questions the long term stability of the HA coating as well as the strength of the HA-
metal bond. They report that coated implants were outperformed by uncoated titanium-based
implants. Kohn (1992) reports that all studies show that the coating does not increase long-
term stabilization and fixation. Denissen et al. (1990) report the in vivo shear strengths of

the following interfaces:

* Smooth surfaced titanium-based implant and bone: ~ 0.6 MPa
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* Porous surfaced titanium-based implant and bone: ~20 MPa
» HA coating and titanium-based implant: ~22 MPa

* HA coating and bone: ~30 MPa

These results indicate that the ceramic/metal bond will tend to fail before the ceramic/tissue
bond. This delamination has been observed in vivo (Parr et al., 1988; Luthy et al., 1987),
and not only affects the mechanical integrity of the implant, but generates biomaterial
particulate debris as well (Kohn, 1992). Particulate debris has the potential to cause local
and systemic biological reactions, osteolysis, and abrasion of the metal substrate (Howie et
al., 1988; Maloney et al., 1990). Some of the poor results associated with HA coatings may
be attributable to the plasma-spraying process, and it is hoped that a new vacuum-spraying

process may alleviate some problems.
Bioactive ceramic composite.  Tricalcium phosphate (TCP), Ca3(PO4)2, is an

extremely biocompatible bioactive ceramic material (Cutright et al., 1972; Ferraro, 1979).
TCP undergoes extensive biodegradation in vivo where it is generally replaced by bone
(Cutright et al., 1972; de Groot, 1981). This biodegradation quickly and significantly
reduces the strength of TCP making it unsuitable for use as a dental implant (Jarcho et al.,
1979). Janikowski and McGee (1969) suggested adding a magnesium aluminate spinal,
MgAl204, to TCP to form a composite material that retains the biocompatibility of TCP
while increasing its strength and endurance. This composite, termed osteoceramic (McGee
and Wood, 1974), has a higher compressive strength and similar tensile strength as
compared to cortical bone, and a modulus of elasticity similar to titanium (Graves, 1988).

Tweden (1987) determined that the osteoceramic does not lose strength in vivo.

Perimucosal seal Endosseous dental implants differ from orthopedic implants
because a portion of the implant extends beyond the domain of the body's hard and soft
tissues and into the hostile environment of the oral cavity. Since bone is very sensitive to
infection, it would be quite desirable for the gingiva to attach to the implant in a manner
similar to the junctional epithelium found in natural teeth. This would prevent bacteria and
chemicals from penetrating the mucous membrane and entering and adversely affecting the
osseous tissue. There is ongoing research and debate regarding the need for and existence of
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a perimucosal seal at the gingiva/implant interface of successful dental implants. The
presence of a perimucosal seal has been reported for implants made from Ti-Alg-V4
(Karagianes et al., 1974), epoxy resin (Listgarten and Lai, 1975), cylindrically shaped dense
HA (de Putter et al., 1983) and titanium (Schroeder et al., 1981). Other studies have
reported an inadequate epithelial attachment for many implant types placed in different
species (Natiella et al., 1974; Hammner et al., 1970; Piliero et al., 1973). More recently,
McKinney et al. (1988) unequivocally state that gingiva will regenerate around a
transmucosal post " forming a new free gingival margin complete with sulcus and free
gingival groove." Ten Cate (1985) asserts that stability of the bone surrounding the implant
is a necessary requirement to obtain an adequate epithelial tissue attachment at the

perimucosal interface.

Interfacial stress transfer A dental implant must achieve and maintain fixation
with the surrounding cortical and cancellous bone to be successful. If the bone tissue
surrounding the implant is subjected to stresses or strains that are less than or greater than the
normal physiological range, then atrophy or resorption will occur over time, and the implant
will loosen and fail. The design of a dental implant would be a standard engineering
problem if the typical loading experienced by a dental implant and the magnitude of the
physiological range of stresses and/or strains conducive to bone maintenance were known.
It is known that factors such as the implant shape, the modulus of elasticity of the implant
material, the type of attachment between the implant and bone and the amount and type of
bone present at the interface affect the interfacial transfer of stress. How these factors affect
the transfer of stress to the bone is quite often controversial or unknown. The last section of
the literature review discusses the use of finite element stress analysis to evaluate the stresses

in a dental implant and the surrounding bone.

I'vpes of dental implants

All dental implants fall into one of three categories based upon their position in the jaw.
Subperiosteal implants are placed in either the maxilla or mandible just beneath the outer
surface or periosteum of the occlusal portion of the jawbone. They form a framework over
the bone and do not become integrated within the bone. They are used primarily in
edentulous patients who cannot use dentures due to extensive resorption of the occlusal
surface or alveolar ridge of the jawbone. Subperiosteal implants are used mainly in the
mandible (Williams et al., 1990).
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Transosseous implants consist of two or four posts that are placed through bone for
simple overdenture application and removable denture or limited fixed-denture applications,
respectively (English, 1990). These implants penetrate the bone of the mandible from the
inferior border, and are used in edentulous mandibles that have experienced extensive bone
loss due to trauma or bone tumors (Williams et al., 1990).

Endosseous implants, which are the subject of this study, are placed within bone. They
are further classified according to their shapes which are quite variable and include: blades,
cylinders/cones, screws, hollow baskets, pins/needles as well as combinations of these basic
shapes (English, 1990). According to Schnitman (1993), the type of implant chosen for
clinical use depends upon the amount and condition of the bone which is required to
accommodate the implant. If the bone has adequate dimensions in both the horizontal and
vertical planes, than an endosseous implant will most likely be chosen. 88% of all the dental
implants placed in 1990 were endosseous implants (Stillman and Douglass, 1993). The
most commonly used endosseous implant is cylindrically shaped and consists of three parts:
the fixture, the transmucosal abutment and the prosthesis retainer (Worthington, 1988). The
fixture is that portion of the implant located exclusively in bone. It may be threaded,
grooved, perforated or textured to provide a surface that is capable of mechanically
interlocking with the surrounding bone. The transmucosal abutment is connected to the
fixture by screws, cement or swaging in place. The abutment is also often secured via an
internal or external hex at the occlusal end of the fixture for anti-rotation purposes. The

prosthesis is attached to the abutment with screws, cement, or precision attachments.

The success of endosseous implant systems
Dental implants are designed to be permanent. It is difficult to comment upon the actual

lifetime of dental implants because of the variability of the guidelines that have been used to
define the success of implant systems. There is an accumulating body of experimental data,
however, indicating that, in general, a successful implant may function for ten years or more
(NIH Consensus Development Conference Statement, 1988).

The following list contains five success criteria developed by Albrektsson et al. (1986) in
an effort to standardize the evaluation of different implant systems:

1. Immobility of an individual, unattached implant when tested clinically.
2. No evidence of periimplant radiolucency.

3. Less than 0.2 mm vertical bone loss annually after the first year in service.
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4. Absence of pain, infection, neuropathy, paresthesia, or violation of the
mandibular canal.

5. Implant system must fulfill the above conditions at a minimum rate of 85% after
five years, and 80% after ten years in service.

According to Albrektsson and Sennerby (1991), based on the guidelines stated above, only
one implant system, the Branemark system (Figure 16) manufactured by Nobelpharma, has
demonstrated an acceptable fifteen year success rate. Branemark implants are threaded
implants made from commercially pure titanium. Five hundred and twenty-four Branemark
maxillary fixtures demonstrated a fifteen year success rate of 78%, and 480 mandibular
fixtures showed a success rate of 86% over fifteen years (Albrektsson and Lekholm, 1989).
Some very popular designs, however, such as Core-Vent, IMZ and Calcitek hydroxyapatite-
coated implants, have not shown acceptable success rates even over a limited, five year
period (Albrektsson and Sennerby, 1991).
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Figure 16. Components of a Branemark implant system (Rangert et al., 1989)
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The American Dental Association (ADA) has developed similar guidelines, and
compliance with their acceptance program is voluntary. Nobelpharma and IMZ, fully and
partially edentulous arches with two or more units, and Oratronics, one-stage blade partially
edentulous arches, have all been granted full acceptance by the ADA (Schnitman, 1993).
Core-Vent, Integral, ITI and Steri-Oss implant systems as well as Nobelpharma single-tooth
replacements have been granted provisional acceptance by the ADA (Schnitman, 1993).

Factors which affect the outcome of an implant procedure

There are many factors which influence the frequency of long-term success of
endosseous dental implants. Linkow et al. (1990), after researching dental implants for
more than thirty years, enumerated no less than twenty-four specific factors and the degree to
which each one affects the outcome of implantation. These factors can be broadly
categorized according to the quality of the surgical procedure, the physical health and mental
attitude of the patient, the quality of the bone supporting the implant, and the design and
manufacture of the implant. It may be interesting at this point to note that the Branemark
implant system, which is considered the gold standard of dental implants, has stringent
guildelines concerning patient acceptance and surgical procedure. It may be that the success
of the Branemark implant system is equally or even more attributable to their stringent
guidelines than to their implant design.

While most of the factors mentioned above act to either increase or decrease the
probability of a successful outcome, there are some factors which, if present, negate any
possibility of a successful outcome (Linkow et al., 1990):

* Septic operating conditions.

» Patients with uncontrolled diabetes mellitus, substance abuse, or blood
dycrasias that compromise the healing of soft tissue and bone, chronic
nutritional deficit, malabsorption syndrome or chronic digestive problems.

* Poor operator skill which results in bone necrosis or improper implant
placement.

» Inadequate home maintenance and/or poor follow-up care.
* The use of a non-biocompatible implant material.

* Poor cleansing and passivation of implant before packaging.
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One factor that is not readily controllable, but that has a significant and somewhat
quantifiable role in determining the fate of a dental implant, is the location of implant
placement. Implant survival is directly correlated to the bone density at the implant site
which is quite variable throughout the jaw and maxilla. Bone density, and thus implant
survival, is greatest in the anterior mandible and progressively decreases in the following

locations (Schnitman, 1993):

1. The anterior maxilla which has less dense cancellous bone and a thinner
cortex.

2. The posterior mandible which is of a hollow nature and contains the
mandibular nerve.

3. The posterior maxilla which contains a hollow sinus and an eggshell-thin
cortex.

In general, there is approximately a 10% difference in success rates between the maxilla and
the mandible with long-term success greater than 95% in the anterior mandible, and

approximately 72% in the posterior maxilla (Schnitman, 1993).

Finite Element Analysis

The finite element method is a computerized numerical technique of stress analysis
which has been extensively implemented in traditional engineering fields (Zienkiewicz,
1988) and orthopedic biomechanics (Huiskies, 1983). The application of the finite element
method in dental research began in the early 1970's (Farah et al., 1973) and has been used
with two dimensional (2D), axisymmetric, and three dimensional (3D) finite element models
to determine the stresses and strains in natural teeth, dental implants and their surrounding
bone (Craig, 1986). This section will review finite element theory, describe the finite
element process, and summarize current practices, assumptions and results associated with

finite element analyses of dental implants.

Finite element analysis theory

Finite element analysis is based upon the displacement or stiffness method in which a
mathematical expression describing the stiffness or resistance to deformation of the entire
(global) structure is formulated. Displacements of various points in the structure described

by this global stiffness formulation can then be calculated in response to various assigned
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loads. These displacements are primary unknowns from which the secondary unknowns,
stress and strain, are derived.

A mathematical model is developed by subdividing a representation of the structure of
interest into a finite number of connected elements. The geometry of each element is
completely defined by points or nodes that lie on its boundaries as well as an interpolation
function (usually a polynomial) that describes the shape of its boundaries. The stiffness of
each element is determined by its geometry and its assigned material properties. The global
stiffness is then calculated by combining the individual element stiffnesses in a certain
prescribed manner.

The displacement method assumes that the displacements of the nodes of an element are
constrained to certain allowable displacements. The allowable displacement directions at
each node are termed degrees of freedom (DOF). The polynomial which describes the
displacements at the nodes is based upon the principle of minimum potential energy. This
principle states that a loaded structure deforms in such a way that the energy stored within is
minimal. When the allowable displacements are described by a function that is the same as
the shape function that defines the element geometry, the elements are called isoparametric.

Finite element process
There are many commercial finite element processing codes available that may be used to

perform a finite element analysis. To use one of these codes, a finite element model (FEM)
must first be developed. Software, such as PATRAN Plus (PDA Engineering, California),
is used as a preprocessor to create the FEM. The geometry of the implant-bone system is
first input to the preprocessor. The operator then uses the preprocessor to create a mesh by
subdividing the geometry into a large number of small elements. Each element is assigned
the specific material properties associated with that portion of the actual implant-bone system
which it represents. Boundary conditions are then assigned to the global structure and, if
necessary, to the bone-implant interface. Once the model is created, loads are applied, and
the model is submitted to the finite element processor for analysis.

An ideal FEM of an endosseous implant would be three dimensional in nature, and

include the following:

* An accurate depiction of the gross geometry of the mandible.

* An accurate representation of the internal structure of the cancellous and cortical bone
in the mandible and most particularly of the bone in contact with the implant.
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* A fine mesh of elements (large number of small elements) with at least 30,000 degrees
of freedom (Hart et al., 1992).

» Experimentally determined non-linear, viscoelastic, non-homogeneous bone properties
of the cancellous and cortical bone of the mandible.

« Direct measurements of the actual loading that is applied to an in vivo dental
implant in a mandible.

Unfortunately, most of the desired information listed above is unavailable. Furthermore,
practicality suggests the use of the simplest model that will fulfill the purpose of the analysis.
This implies that many assumptions must be made when creating a model of a biological
system. Each assumption made detracts from the validity of the FEM. When finite element

results are evaluated, these assumptions must be taken into account.

Finite element models
Three dimensional (3D) finite element models (FEMs) are becoming the state of the art in

dental research. While many researchers have created 3D FEMs of the human mandible
(Knoell, 1977; Elias and Brunski, 1991; Hart et al.. 1992), none have done any extensive
implant design analysis using these models. An important characteristic of the finite element
analysis is that as a mesh becomes more and more fine (more and more elements), the results
approach or converge upon the actual mathematical solution for a particular model. Hart et
al. (1992) determined that for a 3D FEM of a full mandible to be mathematically accurate, at
least 30,000 DOF or 10,000 nodes were required. Most of the finite element models listed
above use a much more coarse mesh. Even though a 3D model is more realistic than a 2D
model, its results may be still be very inaccurate due to the coarseness of the mesh used.

It is generally held that a 2D model is sufficiently valid if it is used in a dental implant
design parameter study and not to determine reference data (Huiskies 1983; Brunski, 1992).
This is because the designer does not need to determine the actual magnitudes of stresses and
strains, but rather, only needs to determine the stress and strain distributions of one design
relative to another. According to Meijer et al. (1993), however, 2D FEM results did not
yield results comparable to a 3D FEM in a design parameter study. This is corroborated by a
similar study by Ismail et al. (1987). Interestingly, Meijer et al. (1993) also found that
results from a 3D FEM of a portion of the mandible were comparable to those predicted with
a 3D FEM of the entire mandible. Three dimensional models are not usually used in design
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parameter analysis because they are difficult to construct, they use large amounts of
computer time and resources, and their results are very difficult and time consuming to
interpret. Furthermore, if you take into account that every time the implant geometry
changes, the mesh needs to be recreated and material properties reassigned, it becomes
apparent why there is a predominance of 2D FEM in dental implant design parameter
analyses.

Many implant design parameter finite element analysis studies use a model which
assumes that the implant is surrounded by a core of solid cortical or a combination of cortical
and cancellous bone (Riegar et al., 1990; Clift et al., 1992; Siegale and Soltesz, 1989).
While these studies are not very realistic, they do have the advantage that they allow for an
easier comparison of implant design parameters since they remove the effect of interface
variation from the results.

Types of 2D models Two dimensional finite element models use 2D elements that

are plane stress, plane strain or axisymmetric formulations. Plane stress and plane strain
formulations have been used extensively in dental implant analysis (Tesk and Widera, 1973;
Atmaram, 1979; Kitoh et al., 1978; Lavernia et al., 1982; Paydar et al., 1991; Matsushita et
al., 1990), but they are no longer as prevalent as axisymmetric formulations. A plane stress
element is most often used to represent a "thin, membrane-like structure" (Hart, 1989).
Plane stress constrains a structure from experiencing out-of-plane stresses but allows
deformations outside of its plane of definition. Plane strain elements constrain structure
deformation out-of-plane, but they permit stresses out-of-plane as long as there are no
resultant strains. Plane strain elements are used to represent a structure that is constrained
"to remain sandwiched between two rigid platens" (Hart, 1989). Plane strain elements seem
to better represent a buccolingual slice taken from a mandible containing an implant than
plane stress elements (Hart, 1989).

Axisymmetric elements are ring-like elements that are based upon a reformulation of
plane strain or plane stress elements. They are associated with bodies of revolution about an
axis of symmetry. Geometrically, they are 3D but mathematically are only 2D (Bickford,
1990). Unlike the other 2D elements, axisymmetric elements can account for hoop stresses.
These elements are used most predominantly in 2D finite element models (Mihalko et al.,
1992; Siegale and Soltesz, 1989; Riegar et al. 1990).

Interfacial boundary conditions Finite element stress analysis results are very
sensitive to whether bonding is assumed to take place at the implant-tissue interface (Hipp et
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al., 1985, Bidez et al., 1988; Brunski, 1988). If the implant is assumed to be bonded to the
surrounding tissue, then the interface is capable of resisting compressive, tensile and shear
forces. Interfacial bonding should be assumed only when the implant is composed of or
coated with a bioactive material since it is believed that a chemical bond is formed between
the two materials. Implants that are made from so-called bioinert materials such as titanium
or titanium alloys should be modeled as having an interface of pure contact with the
surrounding bone. Pure contact assumes that only compressive forces can be transmitted
across the interface. Hipp et al. (1985) reported that finite element models of screw-shaped
implants show areas of tensile displacement when no bonding (pure contact) takes place at
the interface. A pure contact boundary condition should also be modeled at the interface if it
is desired to model the implant surrounded by fibrous tissue (Skalak, 1988).

Material properties assigned to tissue surrounding an implant  The tissues
generally in contact with the root portion of an endosseous dental implant are cortical bone,
cancellous bone and marrow, and/or fibrous tissue.

Bone The mechanical behavior of bone is not only very complex, but it is also
highly dependent upon species, location, health and mechanical loading. Most FEMs
assume bone to be a linear elastic material when it is actually anelastic. It is generally held,
however, that this is a valid assumption since bone behaves similarly to a linear elastic
material in the physiological range of stresses (Currey, 1984). According to Brunski
(1992), all finite element analyses of dental implants have modeled bone as isotropic and
homogeneous when it is actually anisotropic and nonhomogeneous. It is not difficult to
model bone as anisotropic if the values of the elastic constants of a particular portion of bone
are known. This type of data is very sparse, however, since it is very difficult to measure.
Ashman and Van Buskirk (1987) used ultrasound techniques to determine the elastic
constants of human mandibular cortical bone which was found to be orthotropic. Canine
mandibular cortical bone was found to be isotropic with a modulus of elasticity of
approximately 7.39 GPa (Ashman et al., 1985).

Cancellous bone is usually modeled in one of the following ways:

1. Young's modulus is assumed to have a value equal to 1/10th that assigned to
cortical bone (Siegale and Soltesz,1989; Borchers and Reichart, 1983; Meijer et
al., 1993).

2. Young's modulus is determined as some function of the apparent density
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(material mass per specimen total volume) of the section of bone of interest
(Knoell, 1977; Cook et al., 1982; Austriaccio et al., 1991).

3. Young's modulus is determined using Carter's empirically determined
relationship between the compressive strength of any type of bone and its
apparent density (d) :

ocf = 68r-06d2 (MPa) (5)

where r is the strain rate, and (G¢f ) is the compressive strength. The values of

density are determined point by point from calibrated computed tomography
scans. Values for all points within a given element are averaged (Bidez et al.,
1992).

Whichever method is used, the cancellous bone is modeled as essentially a homogeneous
material. This assumption does not take into account the mechanical contribution due to the
inherent structural arrangement of the cancellous bone struts. Lavernia et al. (1981)
investigated whether it mattered if the cancellous bone around an implant was modeled as
homogeneous and or as individual struts. They found that both models yielded similar stress
distributions but significantly different magnitudes.

The effect of the properties assigned to bone around the implant has also been
investigated using finite element stress analysis. Borchers and Reichart (1983) found
increased stress concentrations when the implant was modeled as if it were surrounded with
cancellous bone (E=1.37 GPa) rather than cortical bone (13.7 GPa). Lavernia et al. (1981)
reported that the state of stress predicted in a dental implant system is most dependent upon
the elastic modulus assigned to the interfacial bone. Going one step further, Clift et al.
(1992), using an axisymmetric finite element model of a hydroxyapatite coated Branemark
implant in a bone plug, found that " the stress distribution in the bone surrounding the
implant was highly dependent upon the density and Young's modulus of the bone and any
component of lateral loading".

Fibrous tissue = Some researchers postulate that a fibrous tissue layer would act as a
pseudo-periodontal ligament and transfer stresses to bone in a similar fashion. This
hypothesis has never been verified either experimentally or clinically. It has been found
clinically that the presence of a fibrous layer is usually associated with implant failure due to
loosening. The fibrous tissue is thought to predominate due to micromotion between the
implant and the bone. Skalak (1988) asserts that the fibrous layer will result in a sliding or

shearing response that may adversely affect the adjacent bone. Finite element studies have
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been conducted to investigate the effect of a fibrous tissue at the interface (Buch et al., 1974;
Privitzer et al., 1975). These studies indicate that this type of interface tends to dampen or
eliminate stress concentrations that would occur if the implant were in direct contact with
bone. Lavernia et al. (1982), in a similar study, found that a soft tissue interface "negates
the effect of implant elastic modulus”. This finding is supported by Borchers and Reichart
(1983) using a 3D finite element model of an anchor-type Al203 dental implant. Brunski
(1992) pointed out, however, that these results may be questionable since there is little
experimental evidence available to indicate what boundary conditions most appropriately

mimic the implant bone interface.

Implant design

The finite element method has been used in a number of studies to determine stresses and
strains in dental implants and their surrounding bone. A major problem associated with any
stress analysis of a bone prosthesis is that the biological significance of the stresses and
strains predicted by the finite element analysis is unknown with any degree of certainty
(Brunski, 1992). Results, therefore, must be interpreted in terms of trends found in various
mechanical parameters and how they vary in response to changes in implant design, implant
loading and tissue properties.

Crestal bone resorption Most implant failures are believed to be caused by implant
loosening which results from bone resorption at the crest of the alveolar bone adjacent to the
implant. This is commonly referred to as saucering (Parr et al., 1988; Steflik et al., 1992).
This saucering phenomenon has been observed in many different implant systems (Soltesz et
al., 1982; d'Hoedt et al., 1985; Nentwig, 1985; Clift et al, 1992). While factors such as
material incompatibility, surgical technique, poor bone healing and infection are all possible
causes of this resorption, the stress transferred to the bone at this sight appears to be the
major cause of crestal bone resorption (Pilliar et al., 1991; Clift et al., 1992). Soltesz et al.
(1982) and Huiskies and Nunamaker (1984) compared numerical calculations and
experimental results and found a correlation between high stress and bone resorption.
According to Soltesz and Siegale (1982), this overstressing may occur when there is direct
bonding between the implant and the surrounding cortical bone. Riegar et al. (1990), using
an axisymmetric FEM of commercial implants surrounded by a cortical bone core, predicted
that three commercial designs could cause saucerization of crestal bone due to high stress
transfer in this area. Due to the perception that a major cause of implant failure is
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overstressed crestal bone, the goal of many finite element analyses is to minimize stress
concentrations along the implant-bone interface, in particular, at the crestal interface (Pilliar,
1991; Clift et al., 1992; Atmaram, 1979; Siegale and Soltesz, 1989).

Implant shape Siegale and Soltesz (1989) used an axisymmetric finite element
model (FEM) of different shaped implants placed in "blocks" of bone. It was found that
implant shape significantly affected the stresses at the bone-implant interface. Implants with
a cylindrical shape that were bonded to bone exhibited stress concentrations at the alveolar
crest, but they showed stress concentrations near the implant base when they were merely in
contact with the surrounding bone. Screw implants were found to have stress concentrations
near each thread tip whether they were in contact with or bonded to the bone. Mihalko et al.
(1992), using a 2D axisymmetric FEM of a titanium implant, found that the addition of two
circumferential grooves provided a better stress transfer from the implant to the bone by
reducing the shear stresses that would occur at the interface of an ungrooved, similar
implant.

In a recent paper, Brunski (1992) uses the Siegale and Soltesz study (1989) to illustrate a
problem that is prevalent in many typical finite element studies of dental implants. This
study reports that a fixed-bond interface, in which compressive stresses range from 1.5 to 5
MPa, is preferable since it provides a more uniform stress distribution at the interface than a
contact only interface in which compressive stresses range from 6 to 25.4 MPa. Brunski
asserts that, first of all, there is no proof that a uniform stress distribution is beneficial.
Secondly, he thinks that if these predicted stresses (1-25.4 MPa) are compared to the
uniaxial strength of bone, which is approximately 100 MPa, or its uniaxial fracture stress of
150-200 MPa, then all implants in this study will provide a safe transfer of stress to the
surrounding bone. Brunski concludes that neither this study (Siegale and Soltesz, 1989) nor
any other similar study has succeeded in determining an optimal shape for a dental implant as

regards stress transfer to bone.

Implant elastic modulus  The effect of implant modulus on interfacial stresses has
also been investigated with finite element analysis. Privitzer et al. (1975) reported that for a
fixed implant shape, a change in implant elastic modulus caused little change in the bone
stress distribution. Cook et al. (1981) compared LTI carbon (E~14 GPa) to Al203 blade-
type dental implants (E~350 GPa) and found that LTI implants produced stresses
approximately 3 times larger in the crestal bone area than Al203 implants. No studies have
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indicated an optimal implant modulus (Brunski, 1992). Riegar et al. (1990) reported that if
E (implant)/ E(bone) increases, stresses at the crest decrease, and the stresses increase at the

base of the implant.

Implant diameter Matsushita (1990), using a 2D finite element method of a
hydroxyapatite implant bonded to surrounding bone, found that the stress concentrations in
cortical bone decreased inversely to increasing implant diameters.
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MATERIALS AND METHODS

This study involves a two-dimensional finite element stress analysis of a dental implant
placed in a canine mandible. The overall finite element process is summarized in Figure 17
and involves the creation of a finite element model with a pre-processing program, the
submission of the completed model to a finite element analysis package, and the post-

processing and interpretation of the analysis results.

Finite Element Model (FEM) Generation

A finite element model is developed by inputting the geometry and behavior of the real
system to a pre-processing program which is used to subdivide or mesh the global geometry
into a large number of small elements. The materials and methods used to formulate the
geometry and mesh of the various finite element models employed in this study are described
below. The assignment of material properties to specific elements and boundary conditions
to the global structure is then reviewed. The pre-processing program used in this study to
create the FEM was PATRAN Plus (PDA Engineering, Costa Mesa, CA).

Geometry

Biological specimen In a previous study (Niederauer, 1990) ceramic composite
dental implants were placed in the premolar region of 10 dogs. The ceramic composite,
called osteoceramic, was developed by Dr. Thomas McGee at lowa State University and
consists of equimolar quantities of magnesium alumina spinel and o —calcium phosphate
tribasic. Following euthanasia, the dogs' mandibles were sectioned into blocks, each
containing a single implant, and fixed in 70% ethanol (Niederauer, 1990). These specimens
were then dehydrated and embedded in Spurrs' standard medium A (Niederauer, 1990).
One of these specimens was used to develop the finite element models used in this study.
This particular specimen contained an implant that had been placed for 20 days in the left,
front premolar region of dog #8736 (Niederauer, 1990). The specimen was sectioned using
a Buehler Isomet Low Speed saw, model 11-1180 (Buehler, Evanston, IL), with a 5 inch
high-concentration wafering blade. The sections were cut at a speed of 5.5 using a cutting
fluid, CO-102 (Mager Scientific Inc., Dexter, MI), as a lubricant. The center section (#8) of
this specimen, which was 472 pum thick, was then microradiographed with a Faxitron X-ray
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Inspection System (Field Emission Corp., McMinnville, OR), operated at 20 mA and 68 kV
for 20 seconds. Kodak electron microscope film was used and developed on a DENTX
9000 developing machine.

Image analysis and processing The microradiograph of the center section of the
bone/implant system was transilluminated using a ChromaPro 45 lightbox and viewed with a
Sony DCX-3000A color video camera. The resulting image was captured and processed
using a Zeiss SEM-IPS image analysis system (Zeiss-Kontron, IBAS version 2.0). The
capabilities of this system allowed the removal of the implant from the image by tracing its
edges using a digitizing tablet. This was done because the specimen section was slightly
oblique and didn't properly represent the true center section of the implant. This action also
dramatically reduced the amount of data generated. Every pixel that represented every strut
of cancellous bone and cortical bone was extracted from the image and transferred to a
software program called PV-WAVE (Visual Numerics, Boulder, CO). This program was
used to assign x-y coordinates to each of these pixels. The PV-WAVE output was
converted, using a short C program, to a neutral file format that was required for input to
PATRAN . Appendix A contains a short listing of the PV-WAVE file format. Appendix B
contains a printout of the format conversion program. Appendix C contains a sample of the
neutral file format required for input into PATRAN. Figure 18 is a video print of the
microradiograph used as the source of the FEM. Compare Figure 18 to the image shown in
Figure 19 which is the digital image input to PATRAN. The generation of the geometry of
the implant/bone system was completed by drawing an appropriately dimensioned, center

cross-section of the dental implant and properly positioning it within the digital image.

Mesh

Patches The image originally input to PATRAN was essentially a series of points or
grids in space. This is not a structure suitable for a finite element analysis. These grids were
used as guidelines to create a two-dimensional surface representative of the histological
section. Patches are geometric entities used in the pre-processing software, PATRAN, that
are continuous surface regions which are represented as bicubic parametric surfaces
(PATRAN Plus User Manual, 1990). These patches were usually created by designating 4
grids as corners of a quadrilateral or by creating curved lines from grids located at rounded
portions of the image and creating a patch between two of these lines.
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Figure 18. Video print of a microradiograph of the center section of an osteoceramic dental
implant placed in the left, front premolar area of a canine mandible of dog #8736
(Niederauer, 1990)
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All patch edges were constrained to be contiguous to no more than one other patch edge,
and patches could not overlap areas that had different material properties. For example, one
patch could not cover an area of cancellous bone and an area of cortical bone. Every effort
was made to create patches that were not unduly warped or deformed since this simplified
the meshing operation. Figure 20 shows the final two-dimensional representation of the

original image.

Generating elements A mathematical model is typically developed by subdividing a
given geometric structure into a finite number of connected elements. The geometry of each
element is then completely defined by points or nodes that lie on its boundaries and an
interpolation function (usually a polynomial) that describes the shape of its boundaries. Two
types of elements were used in this study: an 8-noded, isoparametric, plain strain,
quadrilateral element and a six-noded, isoparametric, plain strain, triangular element.

Each quadrilateral element was assigned eight nodes, which allowed a node to be placed
in the middle of each edge of the element. This permitted each edge to become curved, if
necessary, to more accurately model the curved geometry so often present in biological
entities. Interpolation along each edge of the 8-noded quadrilateral is quadratic instead of
linear as in 4-noded quadrilaterals elements. This significantly improves the accuracy of the
analysis (Bickford, 1990). This element is recommended for use in a 2-D FEM by Hart
(1989) because it is complex enough to accurately approximate displacements but not too
complex to allow a sufficiently fine mesh to be developed for the analysis. Six-noded
triangular elements were automatically assigned in areas where the geometry was too
irregular to accommodate the quadrilateral elements. Six nodes were assigned to these
elements to allow the edges of the triangle to also curve, if necessary. Figure 21 shows a
typical representation of an 8-noded quadrilateral element and a 6-noded triangular element.

All of the elements of the model were isoparametric elements. Isoparametric elements
have allowable nodal displacements that are described by a function that is the same as the
shape function that defines the element geometry. This type of element is usually considered
to be the most desirable (PATRAN Plus User's Manual, 1990). A useful characteristic of
isoparametric elements is that they will always approach the exact mathematical solution from
below. This means that any result will either be mathematically accurate or will slightly

underestimate the exact mathematical solution. This is referred to as h-convergence.
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Figure 20. Two-dimensional surface created from the digital image of Figure 19 using
patches



Figure 21. Typical 8-noded quadrilateral and 6-noded triangular elements that were used in
this study to subdivide the global geometry

Each element was assigned plane strain properties. Plane strain elements constrain
structure deformation out-of-plane but permit stresses out-of-plane as long as there are no
resultant strains. Plane strain elements are used to represent a structure that 1s constrained
"to remain sandwiched between two rigid platens” (Hart, 1989), or to model a thick structure
with a constant cross sectional shape (PATRAN Plus User's Manual, 1990). Plane strain
elements seem to better represent a buccolingual slice taken from a mandible containing an
implant than do plane stress elements (Hart, 1989). Figure 22 shows a canine mandible and
the approximate position from which the bone/implant section was taken. This figure
illustrates how the 2-D biological section fits the plane strain assumption used throughout
this study. Plane strain elements require all loads to be applied in the plane of the section.
Out-of-plane (Z) strain is assumed to equal zero, and the normal stress in the Z direction is
generally not zero. The section is assumed to have a unit thickness which in all finite
element models was equivalent to | mm. Plane strain elements assume that €xx Eyy, and

gxy are nonzero and that Oxx, Oyy, Ozz and Oxy are non zero as well.
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Figure 22. Comparison of a mandibular section to a typical plane strain configuration

Each patch was subdivided or meshed separately. Patches that shared common edges
were required to each have the same number of elements. Care was taken to use a large
enough number of elements in each patch so that the quadrilateral elements would remain as
square as possible. According to Bickford (1990), the ratio of the longest to the shortest end
of the quadrilateral, known as the aspect ratio, should be less than approximately 2.50 to
3.00. Only 28 of the 2,915 quadrilateral elements used to create the finite element mesh had
an aspect ratio greater than 3.00, and only 12 of these had aspect ratios greater than 3.50.
The largest aspect ratio measured 4.58. Figure 23 shows the mesh that was developed.
Note that in certain areas, where large stress and/or strain gradients might be expected, every
effort was made to decrease the size of the elements to more accurately represent these
gradients.

Convergence A convergence test was run to determine if the mesh was fine enough
to ensure the mathematical accuracy of the analysis results. As the number of elements or
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nodes used to discretize the geometric structure increases, the accuracy of the analysis
increases (Hart, 1989). A point is reached, however, when further increasing the number of
elements no longer significantly improves the solution accuracy. This point is referred to as
the point of convergence, and it determines the degree of mesh refinement required for a
particular analysis.

Specifically, the implant/bone geometric model was first meshed with a very coarse
mesh. A finite element analysis was run, and displacements at 4 nodes were determined.
These nodes were chosen because they were located in areas of material property
discontinuity, where large stress/strain gradients were anticipated, which would require the
greatest number of elements to ensure mathematical accuracy. Then the mesh was further
refined by increasing the number of elements, and displacement results were again
determined for the same 4 nodes. This procedure was repeated to the limit of our
computational resources. Figure 24 is a graph of the displacements at each of the four nodes
versus the number of nodes in a given FEM. This graph clearly shows that convergence
occurs near 3000-4000 nodes. Since either approximately 5000 or 9200 nodes were used in
every FEM developed in this study, it is safe to say that the mesh was sufficiently fine to

ensure the accuracy of the mathematical analysis.

Material properties
All elements were assumed to be linear elastic, homogeneous and isotropic. Since the

behavior of any isotropic material can be adequately characterized by specifying the values of
two technical constants, each element was assigned a value for the modulus of elasticity (E)
and Poisson's ratio (v). Three different types of finite element models were developed; each
of these modeled the cancellous bone of the buccolingual section in a different way. The

development of each model is described below.

Homogeneous model Figure 18 illustrates the actual buccolingual section of the
dental implant/mandibular bone system which was modeled. Note that the outer shell of
dense bone is cortical bone and that the composite structure of bone struts and intertrabecular
spaces contained within this shell is referred to as bulk cancellous bone. Based upon a study
by Ashman et al. (1985), in which ultrasound techniques were used to determine that canine

mandibular cortical bone was isotropic, every element that represented cortical bone was
assigned an E = 7.39 GPa and a v = 0.403.
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The implant was assigned an E = 114 GPa (Graves, 1988) and a v = 0.25. The bulk
trabecular bone was assumed to be a single homogeneous material, and each element was
assigned v = 0.30 (Keaveny and Hayes, 1993). The determination of a single approximate
value of E for this entire area is described in the following section.

Modulus of elasticity The E of this homogeneous or bulk representation of

cancellous bone was determined based upon the apparent density of the bone in this area.
There have been many empirical determinations of E as a function of apparent density for
bulk trabecular bone test specimens from a variety of locations, species and loading
directions (Goldstein et al., 1983; Stone et al., 1983; Mente and Lewis, 1987). The
following power law relationship was determined experimentally by Kuhn et al. (1989) from
130 specimens of canine femoral cancellous bone that were orthogonally tested in uniaxial

compression at a strain rate of .01 s -1.
E=572x13% (r=0.89) (7)

where E is the mean modulus of elasticity (MPa) of cancellous bone and x is the apparent

density (g/cm3). According to Austriaco et al. (1991):

where Vs is the volume fraction of the bone material within the entire cancellous bone area
(volume occupied by bone material/volume occupied by bone and intertrabecular spaces) and
Pm is the real density of the trabecular bone material (bone mass/volume occupied by bone

material). Gong et al. (1964) determined that the real density of canine vertebral trabecular
bone is 1.911 g/cm3. Since the volume fraction of bone can be estimated by a measurement
of the area fraction (Af) of bone according to the Delesse principle (Weibel, 1979), the
following equations, derived from equation ( 7 ), are valid:

E =572 ( Vipm)!'3 (9)

E=572{ (Ap) (1.911) }1.39 (10)



70

where Ar is the area of trabecular bone material divided by the total area occupied by the bone
plus the intertrabecular spaces. Equation ( 10 ) is the final form of the equation used in this
study to determine the E of the bulk cancellous bone structure contained within the cortical
shell of the buccolingual section in Figure 18.

To determine the area fraction measurement of the bulk cancellous bone, a digital image
of the microradiograph of the center section of the bone/implant system was again acquired
by the ISU Image Analysis Facility using a Zeiss SEM-IPS image analysis system (Zeiss-
Kontron; IBAS version 2.0). This image was digitized to a 512 x 480 pixel spatial
resolution and 256 gray levels. Using a digitizer, a contour line was drawn between the
cancellous bone/cortical bone interface and the cancellous bone/implant interface. The image
within the contoured perimeter was extracted from the whole image, effectively isolating the
entire cancellous bone area. Any pixel that had a gray level greater than or equal to 127, was
designated as bone by the IBAS software (version 2.0). This gray value level of 127 was
determined subjectively from direct observation of the image. Standard IBAS software
(version 2.0) then calculated that the area fraction of the bulk cancellous bone was 0.375.
Putting this value into equation ( 10 ) yielded a modulus of elasticity equal to 360 MPa which
was assigned to every element that represented either cancellous bone struts or intertrabecular
spaces. This method was also used to obtain the modulus of elasticity of selected portions
within the bulk cancellous bone area in the two models described in the next sections.

Figure 25 illustrates the material distribution for the homogeneous model and the mechanical
properties assigned to these materials.

Partially inhomogeneous model This model is similar to the homogeneous

model described above. The material properties assigned to every element representing
cortical bone and the dental implant were the same. The cancellous bone, however, was
modeled slightly differently. Instead of determining one value for the modulus of elasticity
which represents the entire area of the section that is occupied by the bulk cancellous bone
structure, several values were determined that represented small portions of the cancellous
bone area. According to a finite element study of the human patella performed by Hayes et
al. (1982), it is more important to take into account the variation in the density and thus the E
of the bulk trabecular bone than to model the bulk trabecular bone as anisotropic. This
model tried to account for the variation in the density, and thus area fraction, of the bone.
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----t-- CORTICAL BONE

E =7.38 GPR

CANCELLOUS BONE

E = 350 WPR

Figure 25. Material property distribution for the homogeneous finite element model
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The surface of the section occupied by the bulk cancellous bone was divided arbitrarily
into 14 subsections. The coordinates of each of these subsections were used to select the
corresponding area on the image previously extracted using the Zeiss SEM-IPS image
analysis system, in order to determine the area fraction of the entire cancellous bone
structure. The area fraction of each of these 14 separate regions was determined using
standard IBAS software. Figure 26 lists the area fraction and resultant modulus of elasticity
as determined from equation ( 10 ) for each of the 14 regions. Poisson's ratio for each
element was assigned a literature value of 0.30 (Keaveny and Hayes, 1993). Figure 26
shows the material distribution for the partially inhomogeneous model and the mechanical
properties assigned to each of these materials

Strut model The cortical bone and the implant were represented the same way in this
model as in the previous models. In the strut model, however, an attempt was made to
model each spicule of cancellous bone as a separate entity relative to the intertrabecular
spaces located in-between. Some struts of bone, not visible in Figure 18, were added to the
model. This was done because, in normal circumstances, trabecular bone struts constitute a
3-D continuous structure that efficiently transfers stress. A 2-D representation, such as that
shown in Figure 18, will indicate a lack of continuity in this structure that is not realistic.
The struts added to the model were approximated very subjectively from the histological
sections that were adjacent to the center section. These adjacent sections showed the
orientations of the bone spicules that were not in the plane of the section modeled but that
were required to adequately represent the continuity of the trabecular structure.

There are several areas near the implant that clearly indicate the presence of bone but not
individual struts (Figure 18). These areas are most likely areas of woven bone since this
implant was only in vivo for 20 days. Each of these areas was assigned a modulus of
elasticity based upon the density of bone in that area. Using the Zeiss SEM-IPS image
analysis system (Zeiss-Kontron, IBAS version 2.0) as described previously, a contour was
drawn around each of these ambiguous areas to separate it from the rest of the digital image.
The area fraction of each of these individual subsections was calculated by standard IBAS
software and put into equation ( 9 ) to obtain the modulus of elasticity of each area. The
individual struts were assigned the same modulus of elasticity as the cortical bone
(7.39 GPa) and a Poisson's ratio of 0.30. Figure 27 shows the material distribution for the

strut model and the mechanical properties assigned to each of these materials.
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INPLANT, E=114

----—+- [ORTICAL BONE. £-7.39 GFR

LINGURL
Section Area Fraction (%) E (MPa)
1 100.00 1402
2 2 169
3 69.34 846
4 23 88 192
5 73.58 919
6 4921 525
7 26.53 222
8 72.30 897
9 17.10 121
10 3]1.48 282
11 18.11 131
12 22.35 175
13 21.58 167
14 16.43 114

Figure 26. Material property distribution for the partially inhomogeneous finite element
model
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THPLANT
E=114 GPH ' _CORTICAL BONE
E=7.39 GPA
LINGUAL /
/
A
\H_//
- _ - el

| 100.00 1402
2 86.11 1139
3 63.23 742
4 85.50 1128
5 65.85 784
6 70.71 866
2 66 98 803
8 82.86 1080
9 71.87 886
10 51.72 561
11 23 88 192

Figure 27. Material property distribution for the strut cancellous bone model
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Boundary conditions

Displacement constraints  Figure 28 shows the boundary constraints used in each
finite element model to limit the rigid body motion of the global structure. Each circled node
was constrained from moving in the x and y directions. This type of constraint is typical of
previous 2-D finite element studies (Lavernia et al., 1981; Kitoh et al., 1978; Matsushita et
al., 1990). The bone/implant interface was assumed to be fully bonded due to the bioactive
nature of the osteoceramic. Nodes common to the implant and the bone, therefore,

experienced the same deformation to a given loading.

Loading There is not much data available regarding the physiological loading on a
submerged dental implant in humans, let alone in canines. Brunski and Hipp (1984)
reported limited strain gage data describing the axial forces applied to dental implants placed
in the premolar region of a canine mandible. They found that most of the bite forces, in all
dogs, were less than 30 N. One dog registered a bite force as great as 150 N. According to
Brunski (1993), forces as great as 500 N have been observed in other studies. Most of the
analyses in this study subjected the implant to a 30 N compressive load applied at an angle
15 degrees from the vertical, as shown in Figure 28. This introduces a relatively small
horizontal force of 7.76 N, applied from the lingual to the buccal surface, that more
accurately represents physiological loading. The portion of the study which determined the
maximum tensile stresses experienced by the implant also investigated some of the larger
stress magnitudes observed, which were applied at various angles.

Analysis
P/FEA is a module in the PATRAN Plus system that is a general purpose finite element
code capable of solving a wide variety of structural problems. P/FEA uses the finite element
displacement method. The completed finite element models were submitted to P/FEA as
static equilibrium problems. They took approximately 2.5 hours to process.

Three separate investigations were conducted; each of which involved the submission of

one or more finite element models to P/FEA:



76

0.0

Figure 28. Boundary conditions applied to all finite element models
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1. The first study used the homogeneous model to predict the location and
approximate magnitude of the maximum tensile stresses experienced by the
implant due to physiological loading. Since the osteoceramic material used
for the dental implant is weak in tension, it is important to obtain a
reasonable estimate of the tensile stresses it is likely to encounter in vivo.
Forces of 30 N, 150 N and 500 N were applied to the implant at each of the
following angles relative to the positive x-axis: 90°, 1057, 135° and 165°.
Figure 29 illustrates the directions of these applied forces.

BUCTAL

LINGUAL

Figure 29. Directions of forces applied to the implant for FEASs run in investigation #1
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2. The second study investigated the effect of three design modifications on
the stress and strain distribution in the implant and the surrounding bone.
First the implant was pivoted slightly (Figure 30b), then it was lengthened
by 4 mm (Figure 30c). The final modification removed the grooves from
the implant (Figure 30d). The models created for each of the design
modifications were adapted from the previously described homogeneous,

partially inhomogeneous and strut models.

3. The final study investigated whether the method of modeling the cancellous
bone affected the magnitudes and distributions of the resultant stresses and
strains in the implant and bone. Specifically, a finite element analysis of the
lengthened implant was run with the cancellous bone modeled as
homogeneous, partially inhomogeneous and as represented in the strut
model. The finite element models developed from the histological section of
the original implant placed in a canine mandible (Figures 25, 26 and 27)
were used to develop the homogeneous long implant FEM (Figure 31), the
partially inhomogeneous long implant FEM (Figure 32) and the strut long
implant FEM (Figure 33).

Post-processing

P/FEA analysis results were processed and displayed using PATRAN Plus as a post-
processor. The mechanical parameters used to interpret the extensive amounts of data
produced from each analysis were primarily the maximum and minimum principal stresses
and strains. It was possible to obtain results at any of the nodes located throughout the

model or at the centroid of any element.
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Figure 30. (a-d) Illustration of original implant design, pivoted implant design, lengthened
implant design and grooveless implant design, respectively
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--—3---CORTICAL BONE

{E=7.33 GPR)
E=114 GPA
CANCELLOUS BONE
(E=360 HPA)
LINGUAL AL

|
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Figure 31. Homogeneous FEM of the long implant
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(E=7.39 GPR)

LINGUAL

Section Area Fraction (%) E (MPa)
1 100.00 1402
2 21.77 169
3 69.34 846
4 73.58 919
5 26.53 222
6 17.10 121
7 18.11 131
8 21.58 167
9 16.43 114
10 22.35 175

11 31.48 282
12 100.00 1402
13 23.88 192

Figure 32. Partially inhomogeneous FEM of the long implant
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BUCCAL

Section Area Fraction (% E (MPa)
Implant = 114,000
Cortical bone/ struts —— 7,390
| 100.00 1402
2 86.11 1139
3 63.23 742
4 85.50 1128
8 82.86 1080
9 71.87 886
10 51.72 561
11 23.88 192

Figure 33. Strut model of the long implant
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RESULTS AND DISCUSSION

Investigation #1
The objective of investigation #1 was to estimate the magnitudes and locations of any
tensile stresses experienced by the implant in response to the variety of loads that might
occur in vivo. Maximum principal stresses were determined via finite element analysis of
models which were subjected to loads of 30 N, 150 N and 500 N applied at 90°, 105°, 135°
and 165° relative to the positive x-axis (Brunski, 1992).

Results

Figures 34-37 illustrate the orientations and relative magnitudes of the maximum
principal stresses for elements of the homogeneous FEM when a load of 30 N was applied at
each of the 4 angles described above. Results are presented only for those elements that had
a maximum principal stress = 2.5 MPa. This was done to reduce the clutter in Figures 34-37
while preserving the pertinent results. Each set of arrows indicates the orientation of the
plane of the maximum principal stress for each element. The lengths of the arrows are scaled
to display the relative magnitudes of the stresses throughout the implant.

Figure 34 shows the results from the axially loaded FEM. Figures 35, 36 and 37 show
the results obtained as the 30 N load was applied at angles which introduced a horizontal
force component which progressively increased in magnitude. Figure 34 indicates that, for a
purely axial load, the implant experiences a maximum tensile stress of approximately 10 MPa
near the buccal corner of the implant base (point F). Another tensile stress concentration (3-
5 MPa) is located both along the lingual implant edge, between points B and C and the upper
half of the lingual groove.

Figure 35 (Fx= 8 N, Fy= -27 N) illustrates a stress distribution similar to that of Figure
34 (axial loading), except that the tensile stress concentration just above the lingual groove
(between points B and C) is alleviated, but a new region of tensile stress concentration
occurs near the center of the unsubmerged portion of the implant. The overall stress
magnitudes for the loading represented in Figure 35 are slightly larger than those predicted
for purely axial loading with the largest maximum principal stress also located near point F
(12 MPa).
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Figure 34. Tensor plot of the maximum principal stresses predicted by FEA of the
homogeneous original implant for an applied load of Fx =0 N, Fy =-30 N
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Figure 35. Tensor plot of the maximum principal stresses predicted by FEA of the
homogeneous original implant for an applied load of Fx =8 N, Fy = -29 N



Figure 36. Tensor plot of the maximum principal stresses predicted by FEA of the
homogeneous original implant for an applied load of Fx =21 N, Fy =-21 N
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Figure 37. Tensor plot of the maximum principal stresses predicted by FEA of the
homogeneous original implant for an applied load of Fx =29 N, Fy =-8 N
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Figure 36 (Fx= 21 N, Fy=-21 N) shows the same general stress distributions that are
present in Figures 34 and 35, but it also shows an additional area of tensile stress
concentration located between points A and B, that is dominant with stresses as large as 17
MPa. This area is located on the lingual portion of the implant, where it first encounters the
lingual crestal bone (point A). Figure 36 also indicates a large distribution of significant
tensile stresses (7-13 MPa) throughout the lingual cortical bone. These stresses were
nonexistent for the previous loadings.

Figure 37 (Fx= 29 N, Fy= -8 N) shows a maximum principal stress distribution similar
to that of Figure 36 (Fx= 21 N, Fy=-21 N) except that the magnitudes of the stresses in the
lingual crest area (point A) are much larger with a maximum value of 28 MPa .

Figure 38 is a graph of the magnitudes of the maximum principal stresses at the centroid
of the edge elements, located along a path around the implant, for each of the applied 30 N
loadings. This path begins just beneath the lingual shoulder of the implant (A) and travels in
a counterclockwise direction, ending just beneath the buccal shoulder of the implant (I).
This graph summarizes the results that are illustrated in Figures 34 through 37. Figure 39 is
a graph similar to that in Figure 38, except that the magnitude of the four load cases is 150
N, and 500 N is the magnitude assigned to each of the four load cases in Figure 40. The
maximum principal stress experienced by the implant in response to the 150 N load was 132
MPa, which occurred at the lingual crest cortical bone/implant juncture (A). The maximum
principal stress experienced by the implant in response to the 500 N load was approximately
300 MPa at point A.

Figure 41 shows an exaggerated representation of the predicted deformations of the
implant subjected to the 30 N load applied at each of the four angles described previously.
The deformed geometry is exaggerated so that the maximum deflection of the model will
appear to be equal to 1/10 of the maximum dimension of the model. These plots, coupled
with the maximum principal stress tensor plots in Figures 34 - 37, indicate the bending
mechanism which causes the tensile stresses to form in response to horizontal loading.
Figure 42 shows an even more exaggerated deformation plot of the implant subjected to
horizontal loading in which the actual bending of the implant can be seen. The lingual side
of the implant experiences tensile bending stresses, but the buccal side, in general,
experiences compressive bending stresses.
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Maximum Principal Stress Along the Implant Perimeter for a Load of
30 N Applied at 4 Different Angles
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Figure 38. Graph indicating the magnitude of the maximum principal stresses at the centroid
of the edge elements, located along a path around the implant, for each of the
applied 30 N loadings. Ys, Ysp (20%) and Ysp (30%) refer, respectively, to the
maximum allowable tensile stress of the osteoceramic when not prestressed and
when prestressed to 20% and 30% of its compressive strength
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Maximum Principal Stress Along the Implant Perimeter fora 150 N
Load Applied at Four Different Angles
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of the edge elements, located along a path around the implant, for each of the
applied 150 N loadings. Ys and Ysp (30%) refer, respectively, to the maximum
allowable tensile stress of the osteoceramic when not prestressed and when
prestressed to 30% of its compressive strength
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Maximum Principal Stress Along the Implant Perimeter fora 500 N
Force Applied at 4 Different Angles
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Figure 40. Graph indicating the magnitude of the maximum principal stresses at the centroid

of the edge elements, located along a path around the implant, for each of the
applied 500 N loadings. Ys, Ysp (20%) and Ysp (30%) refer to the maximum
allowable tensile stress of the osteoceramic when not prestressed and when
prestressed to 20% and 30% of its compressive strength, respectively
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Figure 41. Exaggerated representation of the predicted deformations of the implant when
subjected to the 30 N load applied at each of the four angles described
previously
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Figure 42. Highly exaggerated representation of the predicted deformation of the implant
in which the actual bending can be seen
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Di ion

Ceramic materials usually fail by brittle fracture (Aksaci, 1981), particularly when tensile
stresses act in a direction perpendicular to the plane of a crack within the material.
Microcracks are inherent flaws that are present in any polycrystalline ceramic material, such
as the osteoceramic used in this study (Kingery, 1976). These flaws occur due to the high
temperatures and subsequent cooling to which the material is subjected during processing
(Heimke, 1990). At its tip, each crack has a large stress concentration that is a function of its
length and the radius of curvature of its tip. These stress concentrations severely limit the
tensile strength of many ceramic materials. Ceramics are also highly susceptible to static
fatigue fracture. This means that their tensile strength is dependent upon the total length of
time that they are subjected to tensile loading (Kingery, 1976). Although a ceramic material
might be able to withstand a given stress over a short period of time, lower stresses can lead
to fracture if applied for a sufficient time.

The tensile strength of the osteoceramic (o¢), as measured by Graves (1988) using a
modulus of rupture test, was found to be 70.3 +/- 8 MPa for 18 samples. The tensile
strength of the titanium-based metals commonly used for dental implants is much greater:
400-620 MPa for titanium and 896-1020 MPa for annealed Ti-6Al-4V (Heimke, 1990). A
factor of safety, n, is used in this study to take account of the uncertainties in the
determination of the strength of the implant material, as well as the uncertainties related to the
stresses predicted to occur in the implant due to physiological loading. It is rather a
subjective matter to determine the factor of safety for a particular design. The safety factor
typically assigned to metal screws that are to be used with bone plates is 3 (Park, 1979).
According to Fitzgerald (1982), however, brittle materials such as the osteoceramic should
have a higher factor of safety applied to them than that used for ductile materials such as the
metal bone screws. Also, if one or even two bone screws in a plate fail, the effect is not as
damaging as if a dental implant fractures. Bidez et al.(1992) recommend that the use of a
safety factor = 5 (common in most conventional engineering structures) is indicated for
dental implants, due to the broad range of possible bite forces to which they may be
subjected. This study used a safety factor of 5. The following equation was used to

determine the maximum allowable tensile stress (Y) that the implant may safely tolerate:

Ys=0t/n (11)

Ys=70 MPa/5 (12)
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Ys =14 MPa (13)

The finite element analysis results summarized in Table 5 indicate that the tensile stresses
in the implant would exceed Y (14 MPa) for all orientations of the 150 N and 500 N loads.
The osteoceramic experiences tensile stresses less than Yg for 30 N loads applied vertically
and 15° from the vertical. If the 30 N load is applied at an angle > 45° to the implants
vertical axis, however, Oty €Xceeds Ys. Note that when [Fx| = IFyl (for the 16 applied
loads examined), the location of the maximum principal tensile stress in the implant is at
point A (lingual crest). When [Fx| << IFyl, however, the maximum principal stress is at
point G along the buccal base of the implant.

Table 5 also summarizes the maximum compressive stress (Ocmay ) €Xperienced by the
implant in response to each loading investigated. The compressive strength of the
osteoceramic, Oc, is 299 MPa (Graves, 1988). All of the 30 N and 150 N loadings would
impart compressive stresses far below the compressive strength of the osteoceramic. Any
orientation of the 500 N load, however, would cause the implant to experience compressive
stresses which would easily exceed O.

Prestressing One way to increase the osteoceramic's resistance to tensile stresses
would be to prestress the material. This is accomplished by applying a compressive stress to
the material that is larger than any anticipated tensile stress that the implant is likely to
encounter. Prestressing of cylinders of dense hydroxyapatite dental implants was performed
by de Putter (1984). After two years in vivo, all of the unprestressed implants had fractured,
but only one prestressed implant had fractured. de Putter (1984) suggests that the ceramic be
prestressed to approximately 20% of its compressive strength. Since the O¢ of the
osteoceramic is 299 MPa, a first approximation would be to prestress the implant by 60
MPa. This would effectively increase o from 70 MPa to 130 MPa. This would effectively
increase the maximum allowable tensile stress from 14 MPa (Y) to approximately 26 MPa
(Ysp)-

Figure 38 shows that, for an applied load of 30 N, a prestressed implant would increase
the implant's resistance to large, horizontal loading, but would not totally eliminate all tensile
stresses. If the osteoceramic was prestressed by 30% of the O, then Ysp would increase to

32 MPa. This would remove all tensile stresses from the osteoceramic for any orientation of
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a 30 N load (Figure 38). The largest Ocmayx €xperienced by the unprestressed implant in
response to a 30 N load is 43 MPa (Table 5). Therefore, the largest O¢uqx Of a prestressed
osteoceramic subjected to a load of 30 N would be approximately 133 MPa. This implies
that the osteoceramic could also tolerate the compressive stresses experienced by the implant
in response to a force of 30 N.

Figures 39 and 40 illustrate that prestressing the implant does not prevent the implant
from experiencing tensile stresses in response to loads of 150 N and 500 N. Since the
majority of bite forces applied to dental implants placed in the premolar area of dogs were
found to be < 30 N (Brunski, 1987), it is recommended that prestressing of the osteoceramic

dental implant be pursued with in vivo testing.

Correlation with in vive results  Twenty one of the forty implants placed in
canine mandibles by Niederauer (1990) were found to have one or more cracks in them upon
retrieval; four implants fractured completely. Nine of these cracks (two of which were
complete fractures) were associated with the grooves and were horizontal in orientation. The
finite element a,nal)'fsis results for each loading condition, as shown in Figures 34 through
37, predict a tensile stress distribution at the lingual groove in which the maximum principal
stress orientation is normal to the horizontal crack direction detected in the implants. Since
this distribution was present in response to all the loading conditions, it is assumed that the
lingual groove experienced these tensile stresses for a significant portion of the total loading
time. These cracks were most likely static fatigue fractures. Five of the cracks in the
retrieved implants were located at the base of the implants, as might be predicted by the
tensile stress concentrations along the implant bases illustrated in Figures 34 through 37.
This stress distribution was also predicted for each of the applied loads, implying that these
cracks might also have resulted from static fatigue. Two of the implants fractured
completely, just below the lingual shoulder. This might be explained by the large tensile
stresses predicted by FEA for this portion of the implant (Figure 36 and Figure 37) when it
is subjected to significant horizontal loading. Overall, there was a fairly good correlation
between the stresses predicted by the finite element analyses and the occurrence of cracks in

the retrieved implants.
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Table 5. Greatest principal stress magnitudes in the implant for each applied loading

Greatest Greatest
Applied Force Implant Location of Implant Location of
(N) Tensile Greatest Compressive Greatest
Stress(MPa) Tensile Stress (MPa) | Compressive
s - Stress B Stresses
F = 500 N : G : .
Fx= 0 Fy=-500 164 G -336 H
Fx =129 Fy =-483 196 G -503 H
Fx =354 Fy=-354 276 A -725 H
Fx =483 Fy=-129 463 A -753 H
= 150 N ' L
Fx= 0 Fy=-150 49 G -98 H
Fx= 39 Fy=-145 59 G -146 H
Fx =106 Fy=-106 82 A -210 H
Fx=145 Fy= -39 36 A -217 H
F=3N . . -
Fx= 0 Fy=-30 10 G -20 H
Fx= 8 Fy=-29 12 G -30 H
Fx=21 Fy=-21 17 A -43 H
Fx=29 Fy= -8 28 A -45 H

LINGUAL

BUCCAL
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Horizontal loading Table 5 shows that, if a load of a given magnitude is applied at
an angle which introduces a horizontal component, Gmax may be 20-280% larger than those
stresses experienced by the implant under a purely axial load of the same magnitude. This
implies that the osteoceramic implant that was placed in canine mandibles by Niederauer
(1990) would likely fracture at loads that were even less than 30 N in magnitude, if they
were applied at an angle away from the vertical axis of the implant. Other finite element
studies have also demonstrated the importance of including lateral loads in finite element
analyses of dental implants (Clift et al., 1992; Richter, 1989). de Putter et al. (1983) demon-
strated the importance of considering the effects of lateral loads in the design of dental
implants. They reported that 80% of dense hydroxylapatite dental implants placed in canine
mandibles fractured in response to large horizontal forces.

Horizontal loads have been found by finite element analysis to also cause high stresses in
cortical crestal bone (Richter, 1989; Soltesz and Siegale, 1984; Borchers and Reichart,
1983). These large stresses are believed to cause the craterlike crestal bone destruction that is
so often correlated with dental implant failure (Clift et al., 1992; Huiskies and Nunamaker,
1984). Finite element results in the present study also demonstrated that widespread and
significant tensile stresses (greater than the ultimate strength of cortical bone) are experienced
by the lingual crestal bone in response to loadings with significant horizontal components
(Figure 36 and Figure 37).

Horizontal loading of dental implants does occur in vive and is caused by the horizontal
movement of the mandible and the inclined occlusal surfaces of the various suprastructures
attached to them (Rangert et al., 1989). In addition to this normal type of loading, bruxism
(grinding of teeth) produces a continuous, predominantly horizontal load for minutes at a
time several times during a night's sleep (Graf, 1969). It is very possible that horizontal
loads play a significant role in crestal bone destruction adjacent to an implant because of the
resulting large, tensile stresses that occur in the crestal cortical bone, the strength of which is
much less in tension (133 MPa) than in compression (193 MPa).

Investigation #2
The objective of investigation #2 was to determine the effects that some simple implant
design modifications would have upon the stresses and strains experienced by the implants
and surrounding bone. Each design modification was evaluated in comparison to the
original implant design. Specifically, the maximum principal stresses in the implants and the
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principal strains in the bone adjacent to the implants were evaluated. Two different loading
conditions (Fx = 8 N, Fy =-29 N; Fx = 21 N, Fy = -21 N) were assigned to each FEM
when evaluating the tensile stresses in a given implant. This was done to evaluate implant
stresses in response to what is believed to be a typical physiological load (Fx =8 N, Fy =
-29 N), and a more extreme, less frequent physiological load (Fx =21 N, Fy =-21 N). The
finite element model created for each modification was adapted from the homogeneous FEM.

Pivoted implant
The first modification involved changing the angle of implantation, by pivoting the

implant slightly, as shown in Figure 30.

Maximum principal stress  Figure 43 illustrates the maximum principal stress
distribution experienced by the pivoted implant in response to a stress of 30 N applied 15 °
from the vertical axis of the implant. Figure 44 represents the maximum principal stress
distribution for the original implant subjected to the same loading. The magnitude of the
principal stresses at the centroids of the elements along the implant perimeter are presented in
Figure 45 for both the original and the pivoted implant.

A comparison of Figure 43 and Figure 44 indicates that pivoting the implant removes
the large tensile stress distribution at the base of the implant and the tensile stress
concentration at the lingual groove. These stress concentrations are alleviated because the
lower buccal edge of the pivoted implant (between points F and G in Figure 43) is adjacent
to a much more compliant cancellous bone (E=360 MPa) as opposed to cortical bone
(E=7.39 GPa) in the original implant design (Figure 44). Pivoting the implant also
introduces a new area of significant tensile stress concentration, just above point H on the
implant (Figure 43), where the implant/cortical bone interface becomes an implant/cancellous
bone interface. A comparison of the graphs in Figure 45 shows that, while pivoting the
implant is effective in reducing both the magnitude and distribution of tensile stresses in the
osteoceramic implant along its lingual edge (A-E) and base (E-F), it also introduces a tensile
stress of ~11 MPa between points H and I. Although the stress peak introduced by pivoting
is less than the maximum allowable tensile stress (Yg = 11.6 MPa) of the osteoceramic that
was derived in investigation #1, this area could still be an area of potential failure. If stresses
greater than 30 N are applied to the implant, or if this FEM tends to underestimate implant
stress magnitudes, then this area of the implant might eventually fracture.



Figure 43. Contour plot illustrating the distribution of maximum principal stresses in the
pivoted implant for an applied load of Fx = § N, Fy=-29N
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Figure 44. Contour plot illustrating the distribution of maximum principal stresses in the
original implant for an applied load of Fx = 8 N, Fy =-29 N
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Figure 45. Two graphs illustrating the magnitude of the maximum principal stress at the
centroid of the elements along the perimeters of the original implant (top) and the
pivoted implant (bottom)
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Figure 46 contains two graphs which illustrate the magnitudes of the maximum principal
stresses at the centroid of the edge elements, located along a path around the perimeter of the
pivoted and original implants, for a load of 30 N applied at an angle 135° to the positive x-
axis (Fx =21 N, Fy = -21 N). This loading was shown in investigation #1 to cause very
large stress concentrations in the original implant adjacent to the lingual crest. A comparison
of the graphs in Figure 46 indicates that pivoting the implant reduces the magnitude of the
large tensile stresses in the lingual crest area (A) of the implant from approximately 16 MPa
to approximately 11 MPa. Pivoting the implant also significantly reduces the large tensile
stresses in the lingual groove and along the implant base. The stress concentration that is
introduced to the implant from pivoting (~11 MPa, as shown in Figure 43, for Fx =8 N,
Fy = -29 N) increases in magnitude to ~14 MPa when the magnitude of the horizontal
component is increased to Fx = 21 N. It would be reasonable to expect that, should the
implant experience even greater horizontal loads, pivoting would dampen the increase in
tensile stresses observed at the lingual crest of the original implant in investigation #1 but
would also increase (at a slower rate) the stress peak just above the buccal groove (just
superior to point H).

Pivoting the implant decreases the probability of implant failure by reducing both the
amount of osteoceramic subjected to tensile stresses as well as the magnitude of any tensile
stresses that it does experience. These results demonstrate that the angle of implantation of a
ceramic dental implant is very critical in determining the tensile stresses that the implant will
experience in vivo. It is recommended that the implant be placed as symmetrically as
possible in the mandible so that one of the edges does not abut the cortex.

Significance of principal strains  Critical to the clinical success of a dental
implant is the minimization of bone resorption around the implant (Clift et al., 1992). Bone
remodeling is known to be related to changes in mechanical environment (Smith et al., 1976;
Goodship et al., 1979; Lanyon et al., 1982; Rubin and Lanyon, 1985; Jee et al., 1990;
Meade, 1989). It is hypothesized that significant variations from the typical physiological
strains experienced by a particular bone site are somehow detected by the bone cells (Frost,
1988, 1990, Currey, 1984; Hart and Davy, 1989). These cells adjust their rates of activity

such that bone mass will increase or decrease resulting in a change in stiffness which will in
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Figure 46. The top and bottom graphs illustrate the maximum principal stresses in the
centroid of each of the perimeter elements of the original and pivoted implants,
respectively, as predicted by FEA for large horizontal loading (Fx = 21 N,

Fy =-21 N)
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facilitate a return to the "normal" straenvironment. Rubin and Lanyon (1982) determined,
from extensive in vivo strain gage animal studies, that in different areas of the same skeleton
as well as across different species, bone experiences a relatively constant pattern of strain
when loaded. They found that strains experienced under peak loading ranged from 2500-
3500 uE, but routine loading produced strains in the 1000-1500 microstrain range. This
range of normal physiological strains (~1000 pE to ~3500 pE) was used as a physiological
window in this study to describe those strains that would maintain existing bone around the
dental implant. Strains in the bone that were far below 1000 LE would indicate that there
was a possibility that resorption might occur at that particular site. Areas of bone that were
predicted by finite element analysis to experience strains greater than ~3500 LE were
identified as areas likely to exhibit bone growth (Clift et al., 1992). Strains that approach the
yield strains of cortical bone, ~7000 LE (Whedon and Heaney, 1993), or of cancellous
bone, ~7400 UE (Turner, 1989) were assumed undesirable.

It is important to remember that the stresses and strains determined in the finite element
analyses throughout this study are only gross approximations of the actual magnitudes that
might be experienced in vivo. When presenting the bone strains predicted by FEA, some
possibilities regarding resultant bone activity are also presented. Many FEA studies have
presented strain results in a similar fashion (Clift et al., 1992, Riegar et al., 1990). It is
important to remember that these strain magnitudes do not take into account the strains
experienced by the mandible due to its actual 3-D structure (versus 2-D FEM) and the
various muscles that insert upon it. Therefore, these strain magnitudes are really only useful
in comparison of one design to another. These magnitudes would also be quite useful in a
highly controlled experiment in which bone adaptation to controlled loading was analyzed
and correlated to the strains predicted by FEA.

Principal strain results  Figure 47 contains two graphs which show the magnitude
of the principal strains located at the nodes along the bone/implant interface for the original
and the pivoted implants. A comparison of the two graphs shows that the magnitudes of the
strains at the interface are similar along the lingual side and base of both implants. The very
small interfacial strain magnitudes present from points A to B for both implants suggest that
bone resorption might occur over a long period of time. This would be similar to that
reported for hip prostheses (Huiskies, 1986). Strains along the base of both implants (E-F)
range from about 1000 UE to 2000 pE. This would most likely be adequate to maintain the
bone in this area. The buccal base corner (point F) of both implants experiences the greatest



106

MAXIMUM AND MINIMUM PRINCIPAL STRAINS ALONG THE
IMPLANT /BONE INTERFACE FOR THE ORIGINAL DENTAL IMPLANT

2.00E-03 4
1.00E-03 1

0.00E+00
-1.00E-03 1
-2.00E-03 -

PRINCIPAL STRAIN

-3.00E-03 -

LINGUAL
-4.00E-03 CREST

BUCCAL

CREST
INTERFACE LOCATION

MAXTMUM AND MINIMUM PRINCIPAL STRAINS ALONG
THE IMPLANT/BONE INTERFACE FOR THE PIVOTED

8.00E-03

3.00E-03

DENTAL IMPLANT

-2.00E-03 A

-7.00E-03

PRINCIPAL
STRAIN

-1.20E-02

J LINGUAL
4706021 CREST

BUCCAL

—p» CREST

INTERFACE LOCATION

Figure 47. Two graphs which show the magnitude of the principal strains located at the
nodes along the bone/implant interface for the original and the pivoted implant,

respectively
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strain magnitudes. This peak strain in the original implant is ~3500 pE. This would indicate
bone maintenance or possibly bone deposition. The same area (point F) on the pivoted
implant experiences a strain of ~14,000 uE. This would seem to indicate irreversible
deformation and possibly pathological bone resorption. If resorption did occur in this area,
then strains in adjacent areas would increase, possibly causing further resorption. The strain
magnitudes along the implant/cancellous bone buccal interface (point F through point H and
Jjust beyond) are much greater for the pivoted implant versus the original implant. The
magnitudes for both implants, however, seem adequate to maintain the bone density in this
area. Finally, buccal crestal bone (point I) resorption due to low strain magnitudes is
possible for both implants. Overall, the pivoted implant provides an interfacial strain
distribution that is fairly similar to that of the original design.

veless implant
The second design modification involved removing the grooves that were present in the
original implant design to provide an area for bone ingrowth to improve implant stability.

Maximum principal stress  Figure 48 illustrates the maximum principal stress
distribution experienced by the grooveless implant in response to a stress of 30 N applied
15 ° from the vertical axis of the implant. The tensile stress distribution shown in Figure 48
is similar to that of the original implant subjected to the same loading (Figure 44). The
magnitude of the principal stresses located at the centroid of the elements along the implant
perimeter are presented in Figure 49 for both the original and the grooveless implant. These
graphs indicate that the grooveless implant reduces the magnitude of the tensile stresses
along most of the implant perimeter, except for a small area just below point B which shows
a very small and localized increase in stress magnitude. Removing the grooves also
completely eliminates the tensile stress concentration located just below point H of the
original implant.

Figure 50 contains two graphs which illustrate the magnitudes of the maximum principal
stresses at the centroid of the edge elements, located along a path around the grooveless and
original implants, for a load of 30 N applied at an angle 135" to the positive x-axis (Fx=
21N, Fy =-21IN). A comparison of these graphs indicates that removing the grooves from
the implant also slightly reduces the magnitudes of the large tensile stress distributions
introduced by the large, horizontal component of the applied load.
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Figure 48. The maximum principal stress distribution predicted by FEA of the grooveless
implant for an applied load of Fx =8 N, Fy =-29 N
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Figure 49. The magnitude of the principal stresses at the centroid of the elements located
along the implant perimeter for both the original implant (top) and the grooveless
implant (bottom) as predicted by FEA for a load of Fx =8 N, Fy =-29 N
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Figure 50. The top and bottom graphs illustrate the maximum principal stresses in the
centroid of each of the perimeter elements of the original and pivoted implants,
respectively, as predicted by FEA for large horizontal loading (Fx = 21 N,

Fy =-21 N)
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It is recommended that removal of the grooves from the original implant design be
considered, to reduce the distribution and magnitude of the tensile stresses experienced by
the implant, in response to anticipated physiological loading.

Principal strains  Figure 51 contains two graphs which show the magnitude of the
principal strains located at the nodes along the bone/implant interface for the original and the
grooveless implant. The major difference between the two implants, in terms of the strains
along the interface, is that removing the grooves reduces the level of strain in the bone along
the buccal interface from a range of ~1000-2000 LE to a range of ~250-500 pE. This is
because the buccal groove in the original implant was in contact with cancellous bone
(E=360 MPa) but this same edge (now filled in with osteoceramic material) on the
grooveless implant is assumed to be bonded to cortical bone (E=7.39 GPa) which is much
stiffer. This level of strain could possibly lead to bone resorption along the buccal interface.

Long implant
The final design modification involved lengthening the implant by approximately 4 mm.

The original implant design was 8 mm. This was chosen to accommodate the smallest

anatomical measurements of the dogs that were used in a previous study (Niederauer, 1990).

Maximum principal stress  Figure 52 illustrates the maximum principal stress
distribution (only stresses 2 2.5 MPa are represented) and orientation experienced by the
long implant in response to a stress of 30 N applied 15° from the vertical axis of the
implant. The tensile stress distribution shown in Figure 52 is similar to that of the original
implant subjected to the same loading (Figure 34). The stress concentration on the lingual
side of the long implant is more widely distributed than that of the original implant, but the
tensile stress concentration at the base of the long implant is more contained than that of the
original implant. The magnitudes of the principal stresses at the centroid of the elements
along the implant perimeter are presented in Figure 53 for both the original and the long
implant. These graphs indicate that the long implant significantly reduces the stresses along
the implant base (E-F). The magnitude of the stress concentration near point H is increased
when the implant is lengthened.

Figure 54 contains two graphs which illustrate the magnitudes of the maximum principal
stresses at the centroid of the edge elements, located along a path around the long and
original implants, for a load of 30 N applied at an angle 135" to the positive x-axis
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Figure 51. Two graphs which show the magnitude of the principal strains located at the
nodes along the bone/implant interface for the original (top) and the grooveless
implant (bottom) as predicted by FEA for a load of Fx=8 N, Fy =-29 N
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Figure 52. Tensor plot of the maximum principal stresses in the long implant for Fx= 8N,
Fy=-29N
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Figure 53. Magnitudes of the principal stresses at the centroids of the elements along the
implant perimeter are presented for both the original and the long implant
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(Fx =21 N, Fy =-21 N). Comparison of these two graphs indicate that, in general,
lengthening the implant reduces the magnitude of the large tensile stresses in the
osteoceramic that are observed with the application of large horizontal loads to the original
implant.

If the lingual edge of the lengthened implant could be reinforced to accommodate the
widespread tensile stresses shown in Figure 52 (B-D), then lengthening the implant may
improve the lifetime of the osteoceramic dental implant. Simply adjusting the angle of
implantation of the long implant, in a fashion similar to the pivoted implant (Figure 43), may
also decrease the extent of tensile stress distribution along the lingual edge of the long
implant.

Principal strain  Figure 55 contains two graphs which show the magnitude of the
principal strains located at the nodes along the bone/implant interface for the original and the
long implant. These graphs show that the strains at the interface of both implants are very
similar. The cancellous bone adjacent to the long implant at the buccal base corner,
however, does exhibit extremely large strains of ~10,000 pE which is greater than the yield
strain of cancellous bone (~7400 pE).

Investigation #3

Investigation #3 explored the effect of cancellous bone modeling on the magnitude and
distribution of the stresses and strains in the long implant and the surrounding bone.
Specifically, the long implant design was analyzed with three different finite element models
which differed from one another only in how the cancellous bone was modeled. First, the
principal stress results from the finite element analysis of the homogeneous model (Figure
31), the partially inhomogeneous model (Figure 32) and the strut model (Figure 33) of the
long implant are compared. The principal strains in the bone surrounding the long implant,
that are predicted by the finite element analysis of each finite element model, are then
presented.

Maximum principal stress
Figure 56 is a tensor plot of the maximum principal stress results determined by finite

element analysis of the homogeneous model of the long implant. Only those stresses that
were = 2.5 MPa were displayed. Figure 57 is a tensor plot of the maximum principal
stresses (= 2.5 MPa) predicted to occur in the long implant via finite element analysis of
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Figure 56. Tensor plot indicating the orientation and relative magnitude of the maximum
principal stresses (= 2.5 MPa) in the implant as determined by finite element
analysis of the homogeneous model of the long implant for an applied load of
Fx=8 N,Fy=-29 N
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Figure 57. Tensor plot of the maximum principal stresses (= 2.5 MPa) predicted to occur in
the long implant via finite element analysis of the partially inhomogeneous FEM
for an applied load of Fx =8 N, Fy =-29 N
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the partially inhomogeneous FEM. Figure 58 is a tensor plot of the maximum principal
stresses (=2.5 MPa) as determined by finite element analysis of the strut model. All three
tensor plots highlight two major areas of tensile stress concentration. These are located
between points B and D on the lingual edge of the implant and along the buccal half of the
implant base. The strut model predicts both of these distributions to be more widespread and
larger in magnitude than those predicted by the partially inhomogeneous or homogeneous
model. The homogeneous and partially homogeneous models also indicate some large
stresses near point H, at the top of the buccal groove, that are not present in the strut model
(Figure 58).

The magnitudes of the maximum principal stresses at the centroid of each of the elements
along the long implant perimeter are presented in Figure 59 for each of the cancellous bone
models. Note that the homogeneous and partially inhomogeneous model results demonstrate
the same trends with only slight differences in stress magnitudes. The strut model finite
element results, however, show significantly different trends and stress magnitudes. These
differences occur where the strut model differs from the other models the most (E-H). These
are areas where distinct trabeculae are modeled. These stress peaks are caused, in part, by
the stress concentrations that arise due to the extreme difference in stiffness between the
cancellous bone struts (7.39 GPa) and the intertrabecular spaces (1MPa). Stresses are
preferentially transferred to the stiffer struts versus the highly compliant intertrabecular
spaces. Figures 56 through 59 demonstrate that, for the loads applied to the implant in this
analysis (Fx = 8 N, Fy = -29 N), modeling the cancellous bone as homogeneous or as
partially inhomogeneous fails to locate the maximum tensile stresses in the implant.

It is possible that the modulus of elasticity of the trabecular struts is overestimated in this
study. Measurements of the modulus of elasticity of trabecular bone material that have been
presented in the literature range from 0.76 to 20 GPa (Rho et al., 1993). Even if the
Young's modulus of the struts was assigned the lowest value in this range, there would still
be quite a large difference between the stiffness of the struts and the intertrabecular spaces.
This would still cause significant stress concentrations in the implant.
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Figure 58. Tensor plot of the maximum principal stresses (2.5 MPa) as determined by
finite element analysis of the strut model for an applied load of Fx = § N,
Fy =-29 N
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Figure 59. The magnitude of the maximum principal stresses at the centroid of the elements
along the long implant perimeter as predicted by FEA of each of the cancellous
bone models for an applied load of Fx =8 N, Fy =-29 N
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Minimum principal stress
Figure 60 illustrates the magnitudes of the minimum principal stresses at the centroid of

each element along the long implant perimeter for each of the cancellous bone models.
Again, FEA of the homogeneous and partially homogeneous models yields similar stress
distributions and magnitudes. FEA of the strut model yields significantly different results.
Stress peaks on Figure 60 are labeled 1 through 5, and coincide to the specific struts, also
labeled 1 through 5, in Figure 61. Comparison of Figures 61 and 62 shows that the stress
concentrations in the implant adjacent to bone struts that are detected by FEA of the strut
model are not detected by FEA of the homogeneous model (Figure 62). Again, these stress
concentrations are most likely due to the preferential transfer of stress from the implant to the
stiffer bone struts, versus the more compliant intertrabecular spaces.

The literature contains only one study in which the individual struts of cancellous bone
surrounding a dental implant are modeled in the creation of a finite element model (Lavernia
etal., 1981). Their study concluded that modeling the individual struts yielded similar stress
distributions, but significantly different stress magnitudes, in comparison to results obtained
by FEA of homogeneously modeled cancellous bone. The reason that their study did not
show that cancellous bone modeling affects stress distributions or trends may have been that
their study used a very coarse mesh and assigned the same Young's modulus to the
individual bone struts in their strut model and the cancellous bone area in their homogeneous
model.

Principal strains
Figure 63 contains two graphs illustrating the principal strain magnitudes along the

implant/bone interface for each FEM. The homogeneous and partially inhomogeneous FEM
results are almost exactly the same along the entire interface. The strut model again predicts
very different results, especially for points between E-H, which exhibit the most
inhomogeneous structure. The strut model predicts areas of large maximum and minimum
principal strain peaks along the implant base. Figures 64 and 65 illustrate strut model strain
tensor plots of an enlarged area along the implant base. These Figures illustrate that the
extremely large peak strains predicted by FEA of the strut model occur in areas occupied by
extremely compliant intertrabecular space (E = 1 MPa). However, the strains predicted to
occur in bone struts, which are believed to moderate the relative rates of bone resorption and

deposition (Clift et al., 1992), are the strains of interests.
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Figure 60. Minimum principal stress at the centroid of the elements along the long implant
perimeter for three cancellous bone models
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Figure 61. Minimum principal stress magnitudes at the centroid of the elements along the
base of the long implant as determined by FEA of the strut model. Note the
stress concentrations (1-5) in the implant adjacent to the cancellous bone struts
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Figure 62. Minimum principal stress magnitudes at the centroid of the elements along the
base of the long implant as determined by FEA of the homogeneous model



MINIMUM PRINCIPAL

MAXIMUM PRINCIPAL STRAIN

STRAINS

1.20E-02 ¢

1.00E-02

8.00E-03

6.00E-03

:
;

2 00E-03

0.00E+00

0.00E+00

-2.00E-03

-4 00E-03

-6.00E-03

-8.00E-03

-1.00E-02

-1.20E-02

Figure 63

126

MAXIMUM PRINCIPAL INTERFACIAL STRAIN FINITE ELEMENT ANALYSIS RESULTS FROM
THE LONG IMPLANT ANALYZED FOR EACH OF THE THREE CANCELLOUS BONE MODELS

s

HOMOGENEOQUS

—————— PARTIALLY INHOMOGENEOUS

STRUT

e ———
=

INTERFACE LOCATION

MINIMUM PRINCIPAL INTERFACIAL STRAIN FINITE ELEMENT ANALYSIS RESULTS FROM
THE LONG IMPLANT ANALYZED FOR EACH OF THE THREE CANCELLOUS BONE MODELS

B C D E F

G H |
H L] I Sp— g Sy Spry SR,
— -
I/ =,
~ =
|‘ / X Xy \‘,
|
; \
|

\
1§
F
\l

INTERFACE LOCATION

HOMOGENEOUS ===~ PARTIALLY INHOMOGENEOUS STRUT

. Two graphs illustrating the principal strain magnitudes along the implant/bone
interface for each FEM



127

Figure 64. Tensor plot of the minimum principal strain along an enlarged area of the base of
the long implant. The load applied to the strut model of the long implant is
Fx=8N,Fy=-29N
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Figure 65. Tensor plot of the maximum principal strain along an enlarged area of the base of
the long implant. The load applied to the strut model of the long implant is
Fx=8N,Fy=-29N
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Figure 66 shows the particular elements (1-18) that were examined to determine how
cancellous bone modeling affects the magnitude of strains in bone. These elements were
chosen because they were located in areas occupied by bone struts in the original histological
section. Each of these elements is located in exactly the same position in each of the three
cancellous bone models, but they are assigned different material properties in each of the
three finite element models. Figure 67 illustrates the maximum principal strains in each of
these elements as predicted by FEA for each of the cancellous bone models. The
homogeneous model and the partially inhomogeneous model indicate very similar strain
magnitudes for almost all of the elements. This similarity was also noted in all of the finite
element analyses that were performed in the other investigations which were concurrently
run with each of the different cancellous bone models. Figure 59 also demonstrates the
similarity in finite element maximum principal stress results when the cancellous bone is
modeled as homogeneous or partially inhomogeneous. Throughout this study, it was found
that modeling the cancellous bone as partially inhomogeneous, in an effort to account for the
variation in cancellous bone density, did not yield results that were significantly different
from those predicted by FEA when the bone was modeled as homogeneous. Hayes et al.
(1982) reported that it was very important to take account of the variation in cancellous
bone's apparent density for a finite element analysis of a human patella. It is possible that
cancellous bone density is not as predominant of a factor in a finite element analysis of
mandibular bone as that of patellar bone because the cortical bone shell of the mandible is
much thicker and thus more dominant than that of the patella. Other possible reasons for the
difference in the results between the two studies is that there was no implant included in the
patellar study, the mesh was very coarse in the patellar study, and the geometry and entire
biomechanical situation of the patella is totally different from that of the mandible.

The strut model maximum principal strain results illustrated in Figure 67 indicate that, in
some elements, strain magnitudes are much smaller than those of the other models, but in
other areas, the strains predicted from analysis of the strut model are much greater than those
of the other models. Figure 68 illustrates the minimum principal strains in each of the
selected elements as predicted by FEA for the three cancellous bone models. This graph
shows that the strut model demonstrates the same trends in minimum principal strains as the
other models but that its magnitudes are much less than those predicted by FEA of the
homogeneous model and the partially homogeneous model.

Ideally, all finite element models would model every strut of cancellous bone in three
dimensions, but in reality, this cannot be done and possibly should not be done. If one is
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Figure 66. Elements evaluated from the long implant to determine the effect of cancellous
bone modeling on the magnitudes of strain in bone for a load of Fx =8 N,

Fy =-29 N



131

Maximum Principal Strains Predicted By FEA In
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in Figure 63 as predicted by FEA for each of the cancellous bone models
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Minimum Principal Strain At Interface Elements
Located Where Bone Struts Occur In The Modeled
Section For Each Of Three Cancellous Bone Models
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Figure 68. Graph illustrating the minimum principal strains in each of the elements defined
in Figure 66, as predicted by FEA for each of the cancellous bone models
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using finite element analysis to do implant parameter studies, it is quite difficult to separate
the effects of a design modification from the effects of the difference in the bone architecture
and density adjacent to the implant. This is why all the analyses regarding implant
modifications, in the present study, were based on homogeneous finite element models.
Additionally, there is substantial variability in the cancellous bone structure and density
between individuals. There is also extensive variability in the cancellous bone of a single
person, due to the changing nature of the tissue adjacent to an implant caused by the healing
process.

It is important, however, to try to understand how modeling cancellous bone as
homogeneous may affect finite element results. This study found that when cancellous bone
was modeled as homogeneous, most major trends in stress and strain distribution were
detected, but some critical distributions were not. Stress and strain magnitudes predicted by
FEA of a homogeneous model differed from those of an inhomogeneous model, which
presumably represented in vivo conditions more accurately. Therefore, when modeling
cancellous bone adjacent to an implant as homogeneous, it is important to remember that,
particularly if the bone adjacent to the implant is sparse, some trends in stress and strain
distributions may go undetected and that the magnitudes of the results should not be taken as
reference data. For implant parameter studies, this study indicates that homogeneous

modeling of cancellous bone is adequate.
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CONCLUSIONS

This study used finite element stress analysis of a 2-D finite element model of an
osteoceramic dental implant placed in a canine mandible to approximate the stresses and
strains experienced by the implant and surrounding bone in response to estimated
physiological loading. Three distinct, but related, investigations were conducted.

Investigation #1 predicted that the original osteoceramic dental implant would fracture
due to the tensile stresses it would most likely experience in response to anticipated
physiological loading. This investigation also demonstrated that horizontal loading
contributed significantly to bending in the implant, resulting in extremely large tensile
stresses in both the implant and the crestal cortical bone.

Investigation #2 found that the angle of implantation of a ceramic implant is very critical
in determining the tensile stresses that the implant will experience in vivo. Pivoting the
implant was found to completely remove two large areas of tensile stress concentration, but it
introduced a new, but smaller, area of tensile stresses. Removal of the grooves in the
original implant design reduced the tensile stress magnitudes throughout the implant.
Lengthening the original implant significantly reduced the stresses along the implant base but
increased the distribution of tensile stresses along the lingual implant edge. Pivoting the long
implant and/or reinforcing its lingual edge was recommended to minimize the risk of
fracture. It was concluded that all three design modifications in combination with
prestressing may lower the risk of implant fracture by reducing the magnitude and/or extent
of tensile stress distributions in the original implant. The most significant finding in this
investigation was the importance of proper implant placement, as demonstrated by the
pivoted implant analysis. It is recommended that the implant be placed as symmetrically as
possible relative to the cortical bone of the mandible.

Investigation #3 demonstrated that it didn't matter whether the variation in apparent
density within a cancellous bone area was taken into account when determining the modulus
of elasticity of a section of cancellous bone to be used in a finite element model. Finite
element analysis results were fairly similar whether a single modulus of elasticity was
assigned based upon the determination of a single apparent density or several values were
assigned to the cancellous bone of the FEM to account for the variation in apparent density.
Modeling the individual struts of trabecular bone and intertrabecular spaces versus modeling
cancellous bone as homogeneous was found to make a difference in the results determined
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by FEA of the respective models. It was concluded that, when modeling cancellous bone
adjacent to an implant as homogeneous, it is important to remember, particularly if the bone
adjacent to the implant is sparse, that some trends in stress and strain distributions may go
undetected and that the magnitudes of the results should not be taken as reference data. For
implant parameter studies, it was concluded that homogeneous modeling of cancellous bone

was adequate.
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APPENDIX A. IMAGE ANALYSIS OUTPUT

The following is an example of the image analysis output indicating the x and y
coordinates of the implant/bone cross-section used to develop the various finite element
models in this study:

10 253

11 253

12 253

13 253

14 253
639 258
637 259
638 259
635 260
636 260
632 261
633 261
634 261
629 262
630 262
631 262
626 263
627 263
628 263
624 264
625 264
622 265
623 265
621 266
619 267
620 267
618 268
616 269
617 269
615 270
614 271
614 272
613 273
613 274
612 275
612 276
611 277
611 278
610 279
610 280
609 281
609 282
608 283
608 284
608 285

608 286
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APPENDIX B. FORMAT CONVERSION CODE

The following is the C program developed by Kerr (1992) that was used to transform the

image analysis output (Appendix A) into a format acceptable to the finite element pre-
processing program, PATRAN:

#include <stdio.h>

void rd_file();

FILE *np;

FILE *fp;

char outfl[12], flname[1l2];
float ZCOOR;

main()

{

}

printf (“\n\n\n Enter filename to write to:
scanf ("%s", outfl);

fp = fopen(outfl, "a");

printf (*"\n\n\n filename to read ->");
scanf ("%$s*, flname);

printf (*\n\n\n Enter ZCOOR: *Yi
scanf ("$f", &ZCOOR) ;
if ((np = fopen(flname, "r")) == NULL)
printf ("\n\n\n File does not exist
else
rd_file();

¥oid rd_file()

unsigned int ON, tmp, ZR, num;
float xpos, ypos;

ON =1;

ZR. =0

tmp =31;

num =1;

while (!feof (np)) {
fscanf (np, "%$f\t", &xpos);
fscanf (np, "%f\n", &ypos);
xXpos = xpos - 100;
ypos = 512 - ypos;
fprintf (fp, "%u%B8u", tmp,
fprintf (fp, "$8u%Bu%ButB8utButB8utBu)
fprintf(fp, “%16.9E\%16.9E\%16.9E\
num + = 1;

Y

num) ;
n*,ZR, ON, ZR, ZR, ZR);
n", xpos, ypos, ZCOOR);



The following is an example of the format used to input the data obtained from image
analysis (Appendix A) and transformed by the computer program in Appendix C to
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APPENDIX C. NEUTRAL FILE FORMAT

PATRAN:

il

.000000000E+01
.9000003003+01
.800000800E+01
.700000800E+01
.600000800E+01
.3900008005+02
.3700003005+02
.380000800E+02
.3500003003+02
.36000%8005+02

11

.320000000E+02

12

'330002300E+02
.340000000E+02
14
.290000000E+02
15
.300000000E+02
16
.310000000E+02
17
.260002300E+02
.270000000E+02
19
.280000000E+02
20
.240000000E+02

NONONONONONONONONONONONONONONONONONONONO

.590000%00E+02
.590000600E+02
.590000%00E+02
.590000%00E+02
.590000%00E+02
.540000%00E+02
.530000%00E+02
.530000%00E+02
.520000%00E+02
.520000%00E+02
.510000%00E+02
.510000%00E+02
.510000%00E+02
.500000300E+02
.500000%00E+02
.500000%00E+02
.490000%00E+02
.490000%00E+02
.490000%00E+02
.480000%00E+02

BOROROROROROBOROBOLBROBORBRORBOROBOROBOROROBO

0

.000000000E+00
.000000300E+00
.000000800E+00
.000000800E+00
.000000800E+00
.000000300E+00
.000000g00E+00
.000000800E+00
.000000800E+00
.000000800E+00
.0000008002+00
.000000800E+00
.000000800E+00
.0000008005+00
.000000800E+00
.000000800E+00
.000000800E+00
.000000300E+00

0

.000000000E+00
0
.000000000E+00

0 4197316

01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400
01074790400

o O O O o 0O O O O o O o O o o o o o o





