
Chapter 7: Discussion and Future Work

This final chapter begins with a discussion of the current work, both experimental

and modeling, including ideas for future work and continuation of this project.  The

chapter concludes with the presentation of a preliminary finite element model of the

bone-implant interface region based on the experimental results from the modulus

mapping studies in Chapter 3.  This model clearly demonstrates the differences between

the conclusions drawn with regards to a bone-implant interface when modeling bone as a

homogenized material or as a material with local property variations.  
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7.1 Discussion 

7.1.1 Indentation testing

Mechanical testing based on indentation contact is a topic with a long history in

both nonbiological and biological materials.  In nonbiological materials, the techniques

have tended towards load-controlled, focused on elastic or elastic-plastic behavior, and

the emphasis has been on the use of conical or pyramidal indenter tips, following in the

tradition of Vickers hardness testing [Doerner and Nix, 1986; Oliver and Pharr, 1992] or

on spherical tips, following in the tradition of Brinnell hardness testing [Field and Swain,

1993; Bushby, 2001].  For biological tissues, the techniques have tended towards

displacement-controlled, focused on time-dependence, and the emphasis has been on the

use of flat punch indenter tips [Hayes et al, 1972; Lyyra et al, 1995].  

In recent years, these two historically divergent approaches have overlapped, and

many investigations have been performed using load-controlled nanoindentation to

examine mineralized biological tissues such as bone and tooth [Angker et al, 2004;

Bembey et al, 2005; Bushby et al, 2004; Chang et al, 2003b; Cuy et al, 2002; Fan and

Rho, 2003; Ferguson et al, 2003; Guo and Goldstein, 2000; Gupta et al, 2005;

Hengsberger et al, 2002; Hoffler et al, 2000; Kinney et al, 1996; Lee et al, 1998;

Mahoney et al, 2000; Rho et al, 1997, 1999a, 1999b, 2002; Roy et al, 1999; Tesch et al,

2001; Zysset et al, 1999].  In these studies, nearly all (the work of Fan and Rho [2003] is

an exception) have utilized an assumption of elastic-plastic behavior and utilized now-

standard elastic-plastic indentation analysis [Oliver and Pharr, 1992].  The focus of these

studies overwhelmingly has been on variations in responses due to local microstrucutral

features such as lamellae and osteons in bone [Hengsberger et al, 2002; Hoffler et al,

2000;Rho et al, 1997, 1999a, 1999b, 2002; Zysset et al, 1999] or tubules in dentin

[Kinney et al, 1996] and due to variations in local tissue composition [Angker et al, 2004;

Bembey et al, 2005; Ferguson et al, 2003; Gupta et al, 2005; Roy et al, 2001; Tesch et al,

2001].  These studies demonstrate the remarkable promise of indentation testing for local
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measurements of mechanical behavior in non-homogeneous materials such as biological

tissues.  

In some ways, studies examining local tissue composition have raised more

questions than they have answered.  Although there are clear overall trends in indentation

elastic modulus with mineral content (as shown for bone and calcified cartilage in

[Ferguson et al, 2003]), there is a great deal of variability in the individual responses.

These variations have made it difficult to establish clear trends with biological processes

such as bone healing [Chang et al, 2003b].  The fact that local measurements of modulus

and tissue composition are poorly understood is perhaps unsurprising given that the

baseline relationship between elastic modulus and mineral concentration in macroscopic

pieces of bone (and allied tissues) is poorly understood [Katz, 1971; Currey, 2002].  In

this regard, the addition of local measurements to the picture does not really assist in the

overall mechanical understanding of the materials being examined.  However, the

nanoindentation technique is here to stay: the indentation test is simple to perform and

analyze (especially for a dominantly elastic-plastic solid) and with many individual

measurements on a sample, the overall average mechanical behavior of one sample can

be compared to another.  

A key limitation in indentation testing arises when composite materials are the

subject of investigation.  The Berkovich tip is preferred for indentation studies due to its

geometrical similarity, which then results in indentation responses that are length-scale

independent (as shown for homogeneous fused silica in Figure 3-16).  In a composite

material, there is an intrinsic length-scale for the composite, as represented in this work

as a particle effective radius (Figure 6-1), and the interactions of the indenter tip and

sample are no longer length-scale independent.  Perhaps surprisingly, this topic has not

been examined with much rigor in the indentation literature, particularly in the context of

elastic behavior.  Two groups have examined indentation models for composite materials

in which the plastic deformation and contact hardness have been the primary focus  [Shen

and Guo, 2001; Durst et al, 2004].  Since elastic behavior was the overall focus of the

current investigation (“plastic deformation” being poorly defined for mineralized
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composites), a new model was developed for interactions of an indenter tip with an

elastic composite material.  

It was a primary aim of the current work to examine the issue of point-to-point

variability in biological composites, to try and advance the understanding of indentation

results to allow clear trends with biological processes, such as bone healing time or

distance from a bone-implant interface, to be established.  The composite indentation

model developed here was used to assess the length-scales of mineralized tissues for

comparison with the indentation protocol utilized for mechanical characterization.  The

length-scale of indentation variability in bone (600 nm) was found to be dramatically

larger than that for dentin (100 nm), although the two tissues have similar composition.

Indentation tests performed at small loads, such as 6 mN in the original healing bone

study of Chang et al [2003b] result in peak depths approximately equal to the variability

length-scale for bone.  Indentation tests performed in the upper range of modern

“nanoindenter” instruments, such as those examined here at 100 mN, result in maximum

depths of several micrometers in bone, which are probably still at length-scales too close

(e.g. within an order of magnitude in size) to the dominant variability scale of bone.  This

is a major limitation for using nanoindentation testing to examine healing bone samples.

However, some nanoindenter instruments have a “high-load option” which may be useful

for future studies of healing bone at larger indentation loads, and correspondingly greater

indentation length-scales.

Time-dependent mechanical behavior was identified as one limitation of typical

indentation testing and analysis for biological tissues [Fan and Rho, 2003].  Oliver-Pharr

analysis is based on elastic unloading, a circumstance which simply does not exist in

creeping materials [Feng and Ngan, 2002].  Techniques and analyses utilizing a long

holding-period at peak load, in an attempt to “exhaust”  the material creep [Briscoe et al,

1998; Chudoba and Richter, 2001; Feng and Ngan, 2002], when applied to bone [Fan and

Rho, 2003] have resulted in unclear, and in places completely counter-intuitive, results.

Explicit viscoelastic analyses, such as those developed in the current work, show great

promise for examination of biological tissues with limited time-dependence, such as the
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mineralized tissues examined here, but also have great promise for materials with

dominant time-dependence, including hydrated mineralized tissues and soft tissues.   

The mineralized tissues examined within a time-dependent analytical framework

in the current work, bone and dentin, demonstrated a small (< 10% of the total

deformation) but consistently present creep response when tested under sharp indentation

conditions.  The coefficient of time-dependence was found to be directly dependent on

the elastic modulus, indicating that these two deformation modes were strongly coupled.

It was demonstrated within the viscous-elastic-plastic model framework [Oyen and Cook,

2003] that this coupling could result in a decreased difference between the real and

perceived elastic modulus values.  In fact, the same series of 75 indentation tests on

healing bone (one month healing, as presented in the VEP framework in section 4.4.3)

when analyzed independently in the time-independent Oliver-Pharr framework and in the

time-dependent VEP framework illustrate this effect beautifully, as shown in Table 7-1.

Clearly this is an intriguing result and one worth more rigorous mathematical

investigation in future work.  However, for the mineralized tissues being examined here,

the time-dependence is not dominating the mechanical response, and accounting for it

directly is in fact potentially increasing the perceived variability in elastic modulus.  This

would not be true for analysis of hydrated tissues, in which the VEP analysis would be a

great improvement over elastic-plastic analysis.  Therefore, this avenue of investigation

was not pursued further and the bulk of the current work in this document utilized time-

independent Oliver-Pharr analyses.  Although there are limitations inherent in its use,

including the need for careful calibration and unknowns factors related to the contact

depth (potentially resulting in an estimation of elastic modulus for compliant materials),

for the large-scale mapping experiments in section 3.4 the benefits clearly outweighed

the disadvantages, in that mechanical behavior could be measured in a highly automated

manner over a large portion of many samples.  
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Table 7-1: Coefficient of variation for the elastic modulus obtained from the same
75 indentation experiments in healing bone (section 4.4.3) but using different

property deconvolution analyses.
Mean modulus,E

(GPa)
Standard Deviation

(GPa)
COV

O-P 17.0 4.2 24.8%
VEP 21.6 9.7 45.0%

Ongoing studies will aim to address these limitations by pursuing the new

analysis in section 4.2, utilizing spherical creep indentation data instead of pyramidal

load-unload indentation data.  Tests are currently being performed at the University of

London, in the laboratory of my colleagues in the Bushby group, utilizing the spherical

indentation creep analysis of section 4.2 to measure creep in bone and dentin at different

states of hydration.  It is anticipated that the results from these studies will allow for a

rigorous exploration of the time-effects question, since the mineral content of the samples

will also be measured and can thus be accounted for explicitly.  In fact, based on the

understanding I've gained in the course of this work of the differences between spherical

and conical-pyramidal indentation mechanics, I would preferentially select experimental

techniques based on spherical indentation for quantitative analysis of most materials,

including bone.  The contact area is larger for most spherical indentation analyses,

reducing the baseline inter-indent spacing for property mapping.  However, I believe

advanced  techniques can be developed to overcome this limitation, especially given that

the lack of plastic deformation in spherical indentation means that the physical indent

locations could be overlapped.  

7.1.2 Mineralized Tissues as Composite Materials

Composite materials are inhomogeneous materials with multiple phases of distinct

materials.  Composites have overall properties that are a function of contributions

between the component materials, a quality exploited in the generation of new materials
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with properties unavailable in any single-phase  material.  Commonly-used engineering

composites frequently consist of a ductile, compliant matrix reinforced with stiff, brittle

particles or fibers.  

Properties of a composite material are weighted combinations of the component

properties [Chawla, 1987; Herakovich, 1997].  Many material properties of a composite

material, including the elastic modulus, can be expressed as the volume-fraction

weighted combination of the component phase properties (here, elastic modulus values).

Two different sets of elastic modulus bounds, the Voigt-Reuss (V-R) and Hashin-

Shtrikman (H-S) bounds, are well-understood and known to be associated with certain

physical structures for engineering composites.   In particular, the V-R bounds describe

the behavior of fiber-reinforced composites in directions parallel and perpendicular to the

fiber reinforcement direction, while the H-S bounds are for composites in which the

reinforcing phase is either stiff or compliant discrete particles instead of continuous

aligned fibers (Figure 5-17).  In fact, the vast majority of particulate engineering

composites have stiff particles in a compliant matrix, such as apatite particles in a

polymer resin [Sasaki et al, 1989; Guild and Bonfield, 1998], and thus lie along the lower

bound.  

Mineralized tissues have been considered within the framework of the modulus

bounds in several studies, most notably the work of Katz [1971].  Katz found that the

elastic modulus of bone increased dramatically at nearly constant mineral volume

fraction (at mineral volume fractions 0.35-0.5).  This resulted in bone modulus values

that spanned a region between the upper and lower Hashin-Shtrikman composite bounds

and therefore bone modulus could not be predicted based on the mineral volume fraction

alone [Katz, 1971].

There has, in fact, been recent renewed interest in modeling bone and mineralized

tissues of the tooth (dentin, enamel) as composite materials.  In particular, a series of

recent bone and dentin models utilizing a compliant matrix with stiff, high aspect-ratio

particles have been introduced [Jager and Fratzl, 2000; Kotha and Guzelsu, 2002; Qin

and Swain, 2004, Ji and Gao, 2004; Gupta et al, 2005].  A contrasting model has been
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introduced, in which the mineral phase is assumed to be continuous [Hellmich and Ulm,

2002].  The question of phase continuity in mineralized tissues thus bears closer

examination.

It is widely accepted that the collagen network in bone is highly cross-linked and

itself forms a 3D network that remains when the mineral phase is removed by

demineralization in EDTA [Catanese et al, 1999].  This organic network can be tested in

tension and has maximum elastic modulus values just prior to failure in the range of

several hundred MPa.  This was noted in Gray's Anatomy [1901], in which Gray noted

that the organic phase of bone was shaped like the original bone, was quite robust and

could be tied into a knot after demineralization.  It was also noted by Gray [1901] that the

organic phase could be removed, again leaving a structure in the shape of the original

bone, but which was brittle.  Bone mineral phase continuity is also consistent with the

recent microscopy results of Benezra Rosen et al [2002] as discussed in Hellmich and

Ulm [2002].  Samples of bone considered whole, demineralized, and deproteinated were

considered here in section 6.4.  Again, the existence of a bone-like structure following

deproteination supports the idea that at least some of the mineral present in bone must be

in a connected network; in the current work an estimation for the proportion of connected

mineral based on the elastic modulus data.  

A question that arises in the current analysis is that of anisotropy.  Hydroxyapatite

mineral particles in bone are considered to be plates or needles, with a large, nonunity

aspect ratio.  It has been suggested that the mineral aspect ratio is critical in determining

the composite material modulus for bone [Gao et al, 2003], which implies that high

aspect ratio mineral particles act in isolation to provide mechanical stiffening along their

long axes.  However, such a model is inconsistent with the relatively small (less than a

factor of two modulus ratio) observed anisotropy in bone [Hayes, 1991; Swadener et al,

2001], as can be shown quite simply using the Halpin-Tsai expressions for the elastic

modulus of a composite with oriented short fibers or whiskers [Agarwal and Broutman,

1990].  The observed anisotropy in bone is in fact consistent with whiskers of aspect ratio

near two, such that the individual high aspect ratio mineral particles in bone must be
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grouped or clumped (Figure 5-31).  Although the composites framework used here is

based on the simplified extremes of behavior—fibers with essentially infinite aspect

ratios and particles with symmetry and unity aspect ratios—the analysis is still valid for a

material with such relatively small mechanical anisotropy effects.   

The information necessary for examination of mineralized tissues within a simple

composite materials framework is twofold: knowledge of the elastic modulus (E) of the

material and  knowledge of the composition (e.g. the mineral phase volume fraction, Vf)

present in the composite material.  These two pieces of information can be acquired

independently for whole samples of tissue [Currey, 2002] or for very localized regions of

material on a single sample using modern analysis techniques of nanoindentation and

qBSE as was discussed in Chapter 6 of this work (and in Ferguson et al,[2003]).  Once

the local elastic modulus and mineral fraction have been obtained for a series of

individual points, the data can be examined within the composite material bounds

framework as discussed in Chapters 5 and 6 of this work.  Confirming the results of Katz

[1971], bone data seem to span a large region between the upper and lower modulus

bounds, and demonstrate dramatic differences in elastic modulus at fixed mineral

concentration (Figure 6-14).

An implication of the current analysis is that the behavior of mineralized tissues is

characterized by values that lie between the modulus bounds, because the structure

corresponds to an intermediate structure not found in engineering composites.  I describe

this structure as “partially continuous” or “partially connected”.  There are two different

physical configurations that could be associated with a partially connected structure,  as

shown in Figure 6- 22.  It is impossible to determine which structure is more likely

without further high-resolution structural analysis of the mineral network; this analysis

may be difficult especially considering the delicate nature of the mineral framework and

the need for nondestructive sample preparation techniques.  

Other investigators [Kinney et al, 2003; Gupta et al, 2005] have been quite keen

on characterizing indentation data for mineralized tissues by traditional composite

models such as the (very popular) stiff particle in compliant matrix model shown in
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Figure 5-12 [Jager and Fratzl, 2000; Gao et al, 2003] or the V-R upper bound [Pidaparti

et al, 1996].  Neither of these approaches works well, and it is a bit surprising to me that

the current work was the first to emphasize an intermediate alternative, especially given

the clearly nonphysical results that have come from forcing the traditional composites

models on mineralized tissues.  In the work of Gupta et al [2005], for example, in order

to fit the experimental modulus-mineral fraction data with the model of Figure 5-12

[Jager and Fratzl, 2000; Gao et al, 2003] the elastic modulus for collagen was set at 6.7

GPa, clearly too large as was discussed in Chapter 5 of this work and the particle aspect

ratio was set at 10, in clear disagreement with the observed anisotropy of mineralized

tissues.  A more sensible analysis of the data would illustrate that the values fall above

the lower modulus bound but below the upper bound, indicating an intermediate

structure.  Clearly there is large scope for the partial connectivity idea developed in this

work, and some combined structural-mechanical analysis is clearly called for to further

elucidate the biological realities of mineralized tissues as composite materials.   It was

also suggested here for the first time that the anisotropy present in bone is due to

variations in mineral phase connectivity in different anatomical directions (section 6.4). 

The concept of partial connectivity is, in fact, relatively unheard of in the

composites literature because it has little bearing on engineering composites, in which

discrete reinforcement phases are added to a static matrix. However, in mineralized

biological tissues, unlike engineering composites, the mineral accumulates on the

collagen network via a process of biological, cell driven and solution-based nucleation

and growth.  This intrinsically increases the different options for connectivity of the

mineral phase, in that growth of mineral particles to the point that they begin to

agglomerate is an acknowledged phase of the biomineralization process [Boskey, 1998].

The mineral phase, once developed, is a dynamic structures that can change, giving rise

to further increases or decreases in mineralization, via nucleation-and-growth or

dissolution processes.  Again, this would give rise to intermediate structures not seen in

engineering composites.  

The closest analogy in engineering composites can be seen in interpenetrating
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phase (co-continuous) engineering composites [Clarke, 1992].  Recent finite element

analysis studies on interpenetrating phase composites (IPCs) have shown a jump in

modulus from a value on the lower H-S bound to a value on the upper H-S bound over a

very narrow range of stiff-phase volume fraction when the stiff phase volume is increased

[Wegner and Gibson, 2000].  This change corresponds to an abrupt shift in structure of

the stiff phase from just-discontinuous to just-continuous.  This idea (known as a

“percolation threshold” since the originally discrete phase percolates through the

originally continuous phase to become itself continuous) has been discussed in the

literature in relation to the macro-scale behavior of artificial (biomimetic) gelatin-apatite

composites [Sasaki et al, 1989] (although varying degrees of gelatin cross-linking appear

to be clouding the results of Sasaki et al and there is no evidence that the observed

behavior is actually due to apatite fusion in that experimental system).  In addition, in the

past [Sasaki et al, 1989] the idea of a percolation threshold was considered as a passing

phase from one structure to another, indicated by an abrupt “jump” in properties.  The

results contained in this work would suggest that an intermediate structure is the

equilibrium phase (Figures 6-14, 6-16), and that on a local scale, a wide range of

configurations is permissible over a narrow range of experimentally-observed mineral

concentrations (Figure 6-18). 

There exists a potential for great clinical interest in changes in the mechanical

behavior of mineralized tissues due to development or disease.  One behavior of interest

is in fact the changes associated with a percolation threshold, at which the mineral begins

to fuse into a semi-continuous network from discrete particles, or separate back into

discrete particles from a semi-continuous network.  I have begun (again in collaboration

with the Bushby group in London) an analysis of how this behavior factors into tissue

behavior, near the tidemark for mineralization in cartilage and in demineralizing disease

processes such as dental caries or osteomalacia.  Using the results presented in Chapter 5

of this work, it can be clearly seen that in some cases changes in composition dominate,

such that changes in modulus are associated with lines drawn parallel to the upper bound,

while in other cases changes in structure dominate, associated with Katz's classic result
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of transverse lines relative to the bounds.   Mapping modulus-mineral fraction data onto a

composite  bounds plot (such as Figure 5-17) allows for a quick determination of whether

composition or structure are related to the changes in elastic modulus.  This, in turn,

provides assistance for treating disease as well as for creating biomimetic materials for

mineralized tissue replacement.

There are two primary sources for variability in the elastic response of composite

materials: changes in local composition (as indicated by the mineral volume fraction, Vf)

and changes in local geometrical structure of the phases.  It was estimated here, based on

indentation data for subchondral bone, that approximately one third of bone modulus

variability is due to composition effects while two thirds of the variability is due to local

structural effects.  An interesting system for further examination of this issue is the

differences observed between bone and dentin.  The indentation responses of dentin

tissue, similar in composition to bound but located in the interior of the tooth are

extremely uniform.  The mineral concentration in both bone and dentin is around 50%,

but the arrangement of the mineral in dentin must be more uniform than that in bone.  In

addition, it is known that the mineral crystals themselves in dentin are “larger/more

perfect” than in bone and have different compositions [Boskey, 2003].  Future studies

will aim to clarify the structural-mechanical similarities and differences between bone

and dentin.  

Perhaps the most intriguing question remaining following the analysis of this

work is, “Why is the mechanical behavior of bone so locally variable?”  What sort of

biological function would give rise to a structure that exists in such a complicated range

of local states?  I believe a great potential exists for examination of this question within

the context of thermodynamics and statistical mechanics, and I hope to examine this in

the future.  Clearly a material that occurs at a 50-50 mix of two dominant components

does have a maximum in the number of allowable configurations of the two components.

In dentin, there seems to exist a narrow range of observed “microstates” while in bone

there is a broad range of observed “microstates”.   Since mineralization is a

thermodynamically favorable process, as is evidenced by the mineralization of collagen
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structures in the absence of cells [Andre-Frei et al, 2000; Olszta et al, 2003], the cells in

bone, which are involved with active remodeling processes, must be controlling the

process in a complicated manner that is not observed in dominantly dormant (e.g. non-

remodeling) dentin.  

Without fully understanding the reasons behind the dramatic variability observed

in the indentation responses and local elastic modulus values of bone, we can examine

the effect that this variability can have in our modeling of a clinical circumstance, the

bone-implant interface.  The following section, which will conclude the main body of this

work, presents a preliminary local finite element analysis of the bone-implant interface

for a dental implant, based on locally-measured modulus values from nanoindentation

studies presented in Chapter 3.  
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7.2 Implications of Bone Variability 

A theme of this work has been the intrinsic local variability in the mechanical

response of bone.  This was measured by nanoindentation in bone samples located near a

dental implant in a study investigating healing bone.  More than any clear effect with

either healing time or distance from the implant interface, the primary result of the

investigation was the surprising amount and scale of the local variability of bone elastic

modulus.

One potential direct application of measured two-dimensional spatially resolved

elastic modulus values, such as those shown in Figures 3-27 to 3-29, is in finite element

modeling problems.  Finite element simulations require detailed input of the model

geometry and the mechanical properties of the materials being modeled (Chapter 2,

section 4).  Most mechanical simulations involving bone are undertaken with the

assumption of uniform local mechanical response.  The focus in increasingly complicated

finite element models of bone has been on time-dependent (poroelastic) behavior, and

anisotropy.  Based on the results of the current investigation, it appears that a new

opportunity has opened, for modeling systems using the experimentally-measured locally

inhomogeneous properties of bone.  

Jaasma et al [2000] demonstrated that local variations in bone mechanical

response made a substantial difference in finite element simulations of bone, compared to

homogeneous models with the same average modulus.  In particular, the percent failed

tissue using a maximum principal strain criterion was dramatically increased when the

intraspecimen coefficient of variability in elastic modulus was increased.  The

investigation of Jaasma et al, however, relied on hypothetical variations in modulus.

An axisymmetric finite element model of the bone-dental implant interface was

created to examine the effects of real, measured variations in elastic modulus based on

nanoindentation measurements.  A portion (approximately the lower half) of the four-

month healing bone elastic modulus map shown in Figure 3-29, was used as a basis for

the model.  This portion of the modulus map is shown in Figure 7-1, along with the
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corresponding slightly simplified finite element geometry based on this map (shown in

Figure 7-2). 

Figure 7-1: Elastic modulus map of a portion of bone and bone-implant interface to
be modeled (approximately the lower half of Figure 3-29)

Figure 7-2: Schematic diagram of a bone-implant finite element model.  The model
is axisymmetric, with the central axis on the left side.  Load is applied to the implant

(assumed to be metal) and the right edge of the model (bone) is fixed in space.
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Each colored region on Figure 7-1 was assumed to be a 100 µm by 100 µm region with

the elastic modulus corresponding to the midpoint of the range for that color (e.g. green

corresponds to E' =  16.25 => E = 14.8 GPa ).  This assignment is shown in Figure 7-3.

The black regions (E' < 7.5 GPa) were assigned a value of E' =  3.75 => E = 3.4 GPa.

Any region for which the modulus was not known (e.g. where the indenter skipped or the

region was not indented), is shown as white in Figure 7-3 and was assigned the “green”

modulus value which both approximated the overall mean (E' = 15.7 GPa) and was also

the mode (most frequently seen value).  Comparisons with a homogeneous model were

made by assigning the entire bone domain the value E = 14.8.

Figure 7-3: Assignment of modulus values  in heterogeneous FEA model of bone.

A compressive (-Z) load boundary condition was applied along the top face

implant, as shown in Figure 7-2.  The right-hand horizontal boundary was fixed; the left-

hand horizontal boundary was the symmetry axis.  
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The clear difference between the homogeneous bone model and the heterogeneous bone

model was the large difference in the shear strain distribution; both the magnitude and

position of the maximum shear strain was substantially different in the two models

(Figures 7-4 and 7-5).  The maximum principal strain distribution would in turn be

dramatically altered as well. 

Figure 7-4: Shear strain map for FEA model of bone assuming bone homogeneity.
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Figure 7-5: Shear strain map for FEA model of bone assuming bone heterogeneity
and based on actual measured local variations in bone modulus measured by

nanoindentation.

The results from this extremely simplified modeling exercise motivate future

studies with increased analytical and modeling rigor.  A combined nanoindentation and

finite element modeling approach has great potential for elucidating the effect of the

dominant local structural and mechanical heterogeneity in mineralized biological tissues. 
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