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Abstract

The Effect of Constituent Microstructure on the Mechanical Properties of Bone

Joseph Catanese, 111

Bone is a hierarchical composite material. Individual collagen molecules and
hydroxyapatite crystals comprise the smallest hierarchical composite level, while dense
cortical bone and highly porous trabecular bone together form whole bones, the largest
hierarchical composite level. Many authors have investigated the role of the composite
structure in the mechanical properties of bone, but the source of the elastic-plastic stress-
strain behavior has not been explicitly identified. Understanding the structure-function
relationship for bone tissue could have a substantial impact on drug design and diagnostics
for bone health.

It has long been suggested that the elastic properties of bone are due to the
hydroxyapatite component, while the ductility is due to the collagen component. The four
experiments described in this dissertation demonstrate that this true. Bone with most of the
organic component removed had the same elastic modulus as intact bone in both tension
and compression, although the strength and ductility were compromised, especially in
tension. Conversely, the ductility of both demineralized and intact bone was reduced by
increasing the pentosidine cross-link density in vitro. Pentosidine cross-link density was
also found to increase with age. This result indicates that collagen plays an important role in
determining' the ductility of bone and, more specifically, that age-related increases in
collagen cross-linking may reduce the ductility of bone, thereby degrading bone quality.

A continuum damage model of cortical bone was also developed and used to
investigate the role of microstructural elements such as osteons, Haversian canals and

porosity, on the mechanical properties of bone. The model agreed with experimental

iv



findings and indicated that 1) all mechanical properties decreased with increasing porosity;
2) elastic-plastic components (osteons and interstitial bone) were required in order to model
the elastic-plastic behavior of cortical bone; and 3) the mechanical properties of osteons and
interstitial bone may be substantially higher than the apparent properties measured

experimentally.
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Chapter One. Introduction



Historical perspective
The importance of understanding the structure of the skeletal system was

recognized by the early anatomists (1). Da Vinci was perhaps the first to investigate the
relationship between the structure and function of the musculo-skeletal system. His
dissections and observations lead him to conclude that the long bones acted like levers,
amplifying forces generated by the muscles. Da Vinci also noted that the internal structure
of some bones was spongy while that of others was not and suggested that this structure
should be investigated further (2). Light and electron microscopy in combination with other
analytical techniques have enabled the study of the structure of bone on smaller and smaller
size scales over the last 300 years.

We now know that the spongy bone da Vinci observed was trabecular bone, which
is a porous network of small rods and plates found in the ends of long bones such as the
femur, in flat bones such as the ribs and in the vertebral bodies. The solid bone da Vinci
observed was cortical bone, also called compact bone because it appears solid when
observed without magnification, as da Vinci did. The orientation of the rods and plates
within trabecular bone follows the principal orientation of the external loads applied to the
whole bone (3). The mechanical properties of the tissue are greatest in the principal
direction (4), indicating that the structure of trabecular bone at each anatomical site is
optimized for the particular applied loads. In this sense, trabecular bone can be thought of
as a structure of rods and plates, and the structure depends on parameters such as age,
species and anatomic site. Both cortical and trabecular bone are built from a common
material, referred to as bone tissue. Since cortical bone is dense and relatively free of pores,
mechanical testing of small samples is generally considered to provide results representative
of bone tissue.

The structure of cortical bone is still not completely understood (see Chapter 2) but
it is known that it is a hierarchical composite material. The highest composite level of

cortical bone—microstructure—is that of the thin sheets or lamellac which are arranged in



parallel and may be further arranged into concentric cylinders called osteons (5, 6). Many
authors have used variations in bone microstructure to explain the natural variation in the
mechanical properties of the tissue (7-16). Additionally, a smaller scale—ultrastructure,
where mineral crystals are embedded in an array of collagen molecules—has also been used
to explain variations in the mechanical properties of bone (17-19). At the ultrastructural
level, it has been shown that the amount of mineral (as a fraction of the total mass of a test
specimen) affects the mechanical properties (17-19). Thus it is reasonable to assume that
the mechanical properties of bone will also depend on other features of the ultrastructure,
including the mechanical properties and the spatial arrangement of the hydroxyapatite

crystals and the collagen molecules.

Clinical need for understanding the mechanical properties in light

of the structure
The current trend in pharmaceutical treatments for osteoporosis and other bone

diseases involves increasing bone mass, but alternative strategies may be more effective.
Drug-related increases in bone mass are often too small to significantly affect the
mechanical properties of the bone and are generally lost soon after treatment ends. An
alternative approach is to alter the quality of the tissue rather then its quantity. In this
approach, the aim is to alter the structure of the collagen and hydroxyapatite that constitute
the bone tissue in order to improve the response to mechanical loading.

Fundamental to this alternative approach is the understanding of both the structure
and the mechanical properties of bone and, more importantly, how they relate. Aging
causes changes in the amount and type of cross-linking in bone collagen (20) as well as the
amount (21, 22) and stoichiometry (22) of bone hydroxyapatite. Additionally, the stiffness,
strength, ductility and energy absorption of cortical bone all decrease with age (23). Since
changes in the structure of a material often lead to changes in the mechanical properties, it is
likely that these changes in bone or constituent structure will affect its mechanical

properties. Thus, the aim of this dissertation is to elucidate the age-related changes in the



structure of the collagen and the hydroxyapatite and how these changes are manifested in
the mechanical properties of bone tissue.

By understanding how the aging of bone constituents is manifested in the overall
bone tissue properties, we can determine the mechanisms by which bone ages and by
which drugs either increase or decrease the strength and ductility of bone tissue. For
example, the hydroxyapatite is thought to determine the strength of bone, if this is true,
then any drug treatment that adversely affects the strength of hydroxyapatite will have a
substantial effect on overall strength. By contrast, treatments that affect the collagen may
have little effect on the strength but play an important role in the ductility. The knowledge
gained from understanding these mechanisms should: 1) enable development of more
powerful drugs in the treatment of bone disease; 2) improve the characterization of new
drug treatments before their use in clinical trials; 3) suggest new diagnostics to determine
patients with a high risk of fracture; and 4) aid in the design of artificial bone substitutes

which mimic the complex structure of natural bone.

Overview
The overall goal of this work is to relate changes in the constituent structure of bone

to changes in the mechanical properties. There are six specific objectives to this work. One

will be addressed in each subsequent chapter, they are:

1. Review the structure of cortical bone.

2. Compare the structure and mechanical properties of intact vs. deorganified bone in
tension and compression.

3. Compare the mechanical properties of isolated bone collagen from different species and
anatomical sites.

4. Compare the mechanical properties of untreated vs. cross-link enhanced isolated bovine
and human bone collagen.

5. Compare the mechanical properties of untreated vs. cross-link enhanced human bone.



6. Develop and interpret a model of the mechanical properties of intact cortical bone based
on its composite structure.

After addressing each of these objectives, I will discuss the implications of the results from

both the experiments and the model, and propose experiments that can provide additional

insight into the structure-function relationship of bone.



Chapter Two. The Structure of Bone



Introduction

Mammalian bone is one of the most complex structural materials in nature, with
many different levels of organization. A detailed knowledge of the structure of bone is
required to correctly interpret variations in measurements from mechanical testing
experiments and to accurately model the mechanical properties of bone. In that context,
the overall goal of this chapter is to review what is known about the different
organizational levels of human cortical bone.

The extracellular matrix of bone is a hierarchical composite material. The basic
constituents are: carbonated hydroxyapatite, a biomineral that provides strength and
stiffness; collagen, an abundant fibrous protein responsible for the tensile properties of
most load-bearing tissues; water; and small amounts of lipids, carbohydrates and non-
collagenous proteins (Table 2.1). At the lowest composite level collagen acts as a matrix,
surrounding hydroxyapatite crystals. The collagen molecules are arranged in a highly
organized manner into fibrils, which become impregnated with and possibly surrounded
by the hydroxyapatite crystals which stiffen and strengthen the collagenous matrix. At
the next higher composite level, the mineralized collagen fibril acts as the fiber and is
embedded in a matrix of non-collagenous organic components and additional mineral.
These mineralized fibrils are arranged into parallel sheets (lamellae), which are stacked to
form a plywood-like structure to form the third composite level. The stacked lamellae are
arranged in different ways creating additional levels of composite structure, depending on
the type of bone tissue. In mature human bone, the lamellae are often further arranged into

concentric cylinders to form osteons.



Since the objective of this review is to describe bone structure in order to guide the
development of a mechanical model of bone that is based on its structure, emphasis will
be on the smallest level of composite structure, the collagen matrix embedded with mineral
crystals. Thus, this review will focus on the structures of hydroxyapatite crystals and
collagen molecules, and how they are arranged into mineralized fibrils. The arrangement of
mineralized fibrils into lamellar sheets and osteons will also be described.

The Structure of Bone Mineral

The mineral in bone is an imperfect form of hydroxyapatite: Ca;o(PO,4)s(OH),
(24). The large number of different ions that are substituted for those found in pure
hydroxyapatite has made defining the structure of biological hydroxyapatite controversial.
In addition to identifying the stoichiometry of biological apatite, much work has been
devoted to determining the structure, shape and size of the crystals. Surprisingly little
work has been directed at describing bone mineral at the polycrystalline level. There is
little direct evidence to support either a monolithic (i.e. contiguous) or a discrete mineral
phase, although most authors consider the mineral phase to be discreet.

Stoichiometry

The chemical structure for pure hydroxyapatite is Ca,o(PO4)s(OH), (24), but
biological hydroxyapatite differs considerably. The most commonly found ions
substituted in bone mineral are sodium and potassium for calcium; carbonate and acid
phosphate for phosphate; and fluoride and chloride for hydroxyl groups (Figure 2.1)
(25). In particular, four carbonate ions often replace three phosphate ions, with the

additional loss of two hydroxyl groups to preserve charge balance and for spatial concerns



(26). This substitution, combined with the common substitutions of fluoride and chloride
for hydroxyl groups, has made it difficult to detect hydroxyl groups in bone mineral. It is
thought therefore that hydroxyl ions are not present in measurable quantities in bone
mineral  (27). An  alternative  stoichiometry for bone  mineral is
Cag 3(PO4)43(CO3)x(HPO4)y(OH)o 3 where Y decreases and X increases with age but
always sum to 1.7 (22). For example, the chemical formula of rat bone at birth is
Cag 3(PO4)43(CO3).7(HPO4), o(OH)o 3 compared to the carbonate rich formula obtained
for one year old rats: Cag3(PO4)s3(CO3)2(HPOy)os(OH)3 (22). Given the most
common substitutions, a more appropriate name for bone mineral is “carbonate apatite
containing acid phosphate groups” or simply “biological apatite” (28). For consistency
however, the terms hydroxyapatite, bone mineral and mineral, will be used
interchangeably throughout this dissertation to indicate biological apatite.

Crystallinity

Crystallinity is a general measure of non-stoichiometry, imperfections, and size of
individual crystals (29). Crystallographically, bone mineral is a hexagonal rhombic prism
(Figure 2.2) with symmetry in the a and b directions. X-ray diffraction measurements
have demonstrated that the lattice spacing of apatite is between 9.37 A (30) and 9.43 A
(24) in the a and b directions and 6.88 A in the c direction (24). More recent transmission
electron microscopy data agreed with the earlier x-ray diffraction measurements of the ¢
direction spacing but revealed a lattice spacing of 8.17 A in the a and b directions (Figure
2.3)(31). This discrepancy arises from the different definitions of the unit cell used in

these studies (Figure 2.4). The earlier x-ray diffraction study considered a hexagonal unit



cell with hydroxyl groups in the center and on each corner of the unit cell (24, 30). Later
studies using a transmission electron microscope revealed a simpler unit cell, a thombic
cell which is one-third of the volume of the original hexagonal cell (31).

Bone apatite differs from most other minerals, even other biominerals—like that
found in mollusk shells—in that it has a high frequency of lattice imperfections. Most
crystals have lattice imperfections (vacancies, substitutions or dislocations)
approximately once in every 1000 lattice spaces; in bone mineral imperfections occur as
frequently as once in every five to ten lattice spaces (29). In addition, the high level of
imperfections in bone mineral increases its solubility, which allows rapid release of ions
when they are needed for physiological processes.

Bone crystals are among the smallest biominerals known (32). Even though many
investigators have viewed bone crystals with various methods, there is still controversy

over the average size and shape of individual mineral crystals (Table 2.2). Knowledge of
the size and shape of bone mineral crystals is important for mechanical modeling, since
the huy droxyapatite crystals are thought to act as a short-fiber reinforcements embedded in
a matrix of collagen, and fiber dimensions play an important role in determining the
mechanical properties of a composite material (33-35). For a long time bone mineral
crystals were thought to be long slender rods (36-38), although some authors did observe
Plate-shaped crystals (30, 39). More recent studies have demonstrated that crystals
which appear as rods are actually plate-shaped crystals viewed edge-on (40-44).
However, some authors have observed rod-shaped crystals in both longitudinal and cross-

section (45) suggesting that both types of crystals may exist. The best estimates of average
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crystal size are 350-500 A long (in the crystallographic ¢ direction), about 150 A wide,
and only 20-50 A thick (Table 2.2). Since the a lattice spacing is 9.37 A, the mineral
crystals are only 2-5 unit cells thick.

Many of the discrepancies in crystal dimensions arise from artifacts associated
with the different measurement techniques. The two greatest difficulties in measuring
crystal sizes are preparing mineralized tissue for viewing in an electron microscope or
other apparatus (which often involves dissolving the organic matrix surrounding the
mineral) and ensuring correct alignment of the crystals (viewing a crystal off-axis will
result in a two-dimensional projection that is a different size than any on-axis view of the
same crystal). With these limitations in mind, the four different techniques that have been
used to quantify the size of bone mineral crystals will be reviewed in an attempt to better
understand the morphology of bone mineral in the context of bone as a composite
material.

The first method used to prepare and view bone mineral crystals was to liberate
the crystals from the collagenous matrix and view them in an electron microscope (29, 40,
46, 47). Mechanical grinding followed by chemical processing to denature the collagen
fibrils is used to isolate the hydroxyapatite crystals. Sodium hypochlorite (household
bleach) and various organic solvents are commonly used to denature the collagen. In this
technique, the aqueous solvents used may lead to mineral phase dissolution and phase
transformations (48). This would lead to larger average crystal sizes being reported since
smaller crystals (i.e. those with a higher surface area to volume ratio) would be

preferentially dissolved. Conversely, mechanical grinding and crystal selection in the
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electron microscope may lead to an underestimation of the average crystal size since the
grinding may break some crystals into smaller pieces (29). Overall, this technique is
probably the most precise since different experiments have yielded reasonably consistent
results that range from 200-1100 A for the length, 100-200 A for the width, and 15-60 A
for the thickness dimensions of bone mineral crystals (Table 2.2).

The second method used to prepare bone mineral is embedding in an acrylic resin,
cutting thin sections, and viewing in a transmission electron microscope (36, 38, 47, 49).
Thin sectioning has the advantage of preserving, to some degree, the spatial relationship
of the crystals with respect to each other and to the collagenous matrix surrounding them,
but this advantage is often negated by artifacts specific to this technique. Cutting thin
sections on a water filled diamond knife results in the same problems mentioned above
regarding processing in aqueous solutions. This can be eliminated by filling the knife with
a non-aqueous solution such as ethylene-glycol. There are two additional difficulties
associated with this technique: the cutting process usually leads to compression of the
tissue in the cutting direction, and thin sections fix the plane of view of the tissue. The
first limitation compresses crystals together and makes visualizing individual crystals
difficult while the second limitation leads to off-axis views of crystals and thus
underestimated values of crystal length and width and overestimated values of crystal
thickness. Because of these artifacts, average crystal length measured with this technique
is 170 A (49), about half of that reported with other techniques.

A third and newer technique used to measure crystal size is x-ray diffraction line

width broadening (29, 50-52). This technique relies on an assumption first made by

12



Guinier (53), that for small crystals, the crystal size corresponds with the coherence
length (dislocation spacing). Using line broadening analysis, the width of the x-ray
reflection line correlates with the coherence length. Thus, one can estimate crystal size by
analyzing x-ray diffraction patterns, but since bone mineral has many imperfections the
assumption underlying this method is questionable. Furthermore, in a comparative study,
electron microscopy of liberated bone crystals provided more repeatable measurements of
crystal size (29) indicating that the precision of this technique is relatively poor.

A fourth method used for measuring crystal size is similar to the first one
described, except that instead of using dense bone tissue, mineral crystals are liberated
from partially mineralized turkey leg tendon is used (42, 54-56). Turkey leg tendon is
partially mineralized with crystals similar to those found in bone(49). The main advantage
of this technique is that crystals can be viewed in situ so that the mineral-collagen spatial
relationship is preserved (Figure 2.5). Disadvantages of this technique are that the
crystals are not packed as densely as they are in bone and there may be subtle differences
from bone mineral crystals. This technique has been used to study the structure of the
mineralized collagen fibril as a composite structure in addition to the mineral itself.

Although all of the techniques used to measure crystal dimensions have some
artifact associated with them, viewing liberated crystals in the TEM is most reliable.
Despite wide variations in reported crystal lengths (200-1030 A average length), crystal
widths and thicknesses are relatively constant (average dimensions of 120-180 A and 15-
304, respectively). At the smallest level bone can be viewed as a composite material of

short hydroxyapatite fibers embedded in a matrix of collagen. In this context crystal shape
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and size are important parameters for modeling the mechanical properties of bone since
the dimensions and the mechanical properties of the fiber determine the mechanical
properties of short-fiber reinforced composite(33-35).

Polycrystalline Structure

The polycrystalline structure of bone mineral is not well characterized. Nearly all
of the work on the structure of bone mineral published during the last twenty-five years
assumes a priori that the mineral phase is discrete, i.e. crystals are not directly connected,
but rather held in place by the surrounding matrix alone. Thus, the polycrystalline
structure, like crystal shape and size, is an important parameter for theoretical models of
the mechanical properties of bone. If the crystals are discrete, then a short-fiber reinforced
composite model may be a useful tool in understanding bone mechanics. Alternatively, if
the mineral crystals are contiguous (either completely or in part) a short fiber model may
not be able to completely describe the mechanics of the material. Many different
techniques to remove the organic component of bone en bloc have been investigated.
Much of this work was motivated by a clinical need for non-load bearing bone
substitutes, and thus biocompatibility was the primary concern, although a few authors
did investigate the physical, chemical and mechanical properties of this “anorganic bone”.
Only the work related to the latter will be described here, since our interest is in the
description of the mineral phase and not its biocompatibility. Although some of the
techniques used to isolate bone mineral may slightly damage its structure, they do result
in a contiguous mineral phase. The variety of techniques that can be used to arrive at

isolated monolithic mineral component suggest that there is some contiguity of bone
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mineral crystals in situ and therefore a short-fiber reinforced composite model, if
considered, must address this characteristic.

Six different techniques have been used to remove the organic components of
bone: extraction with potassium hydroxide (57-59); ethylene diamine (60-63), hydrazine
degradation (64, 65), heat treatment at various temperatures (45, 66-69), sodium
hypochlorite denaturation of proteins (40, 68, 70, 71), and hydrazine degradation
coupled with plasma ashing (46). Most of these techniques are performed subsequent to
mechanical grinding to substantially reduce the size of the bone particles and thus reduce
the time required for the treatment. The end products of some of these treatments have
been used for direct crystal size measurements in a transmission electron microscope as
described above. Without mechanical grinding, though, some of these treatments lead to
contiguous, solid blocks of bone mineral, possibly indicative of the in situ state (Figure
2.6)(57, 58, 60, 61, 63).

The first technique used to extract the organic components from bone was gentle
boiling in potassium hydroxide for one to two hours (57-59). This technique does not
yield as much of the mineral component as ethylene diamine extraction (58) which was
the second technique used to deorganify bone. Additionally, potassium hydroxide
damages the bone mineral (72). Thus, ethylene diamine extraction is preferred over
potassium hydroxide.

Bone sections treated with ethylene diamine are contiguous and look similar to
untreated bone (Figure 2.6). To extract the organic material from a 5 to 10 gram sample of

trabecular bone, 100 ml of aqueous (80% ethylene diamine; (63, 73)) or anhydrous (60,
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73) ethylene diamine is boiled in a soxhlet apparatus for 30-50 hours. A 5 gram sample of
cortical bone can be extracted in 32-36 hours using 150 ml of ethylene diamine (61).
Following the extraction, the mineral should be rinsed in distilled water to remove residual
solvent. This method of extraction has been performed on both intact (60, 61, 63) and
mechanically ground (60, 73) samples of cortical and trabecular bone.

X-ray diffraction and elemental analysis data suggest that anhydrous (95%)
ethylene diamine extraction alone does not convert the amorphous mineral phase to a
crystalline phase but subsequent rinsing in hot water does (60). Rinsing the resultant
mineral in cold water (60) preserves the unit cell size (60), but not the amorphous phase
(73). Thus, the preferred extraction method is anhydrous ethylene diamine followed by
vacuum drying at 100°C (73). Comparing ashed bone with ethylene diamine extracted
ashed bone indicates that a small (approximately 0.1%) but measurable decrease in the
unit cell size of the mineral crystals occur with ethylene diamine extraction (60).

Although it was originally thought that ethylene diamine extraction removed all of
the organic matter when calculated by weight loss (Figure 2.7), rejected grafts of extracted
bone in dogs prompted a more thorough study. In three different species (human, mouse,
dog) from 0.0109% to 0.173% nitrogen (per weight of extracted bone) remained after
extraction and half of the nitrogen was present as amino acids (62). It was suggested that
the residual amino acids were not extracted because they were bound to the mineral. This
provides an alternative explanation to the large, contiguous mineral structures that result
from ethylene diamine extraction. Specifically, if the extraction can not remove the organic

component completely, the trace amounts of remaining amino acids may act to bind
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discrete mineral crystals together and form a contiguous structure. In addition to
physical and structural studies of extracted bone, two sets of mechanical tests have been
performed on ethylene diamine extracted bone (74, 75). While these data indicate that the
isolated mineral is much weaker and less stiff than intact bone (see Chapter 3), it is
uncertain whether the mechanical properties measured were of a contiguous mineral
structure, or a discrete array of crystals connected with trace amounts of non-extractable
amino acids.

As an alternative to ethylene diamine extraction, hydrazine was employed as a
method of digesting protein from bone to avoid the damaging affects of the former
treatment. Anhydrous (95%) hydrazine, H,NNH,, successfully removed nearly 99% of
the protein from rat cortical bone (65) and results in a contiguous product (64). This
treatment has been performed at 40°C and 60°C, with the lower temperature doubling the
time required to digest all of the protein from 3 gram sample of cortical bone (64).
Compared to lyophilized controls, hydrazine treatment slightly reduces carbonate and
acid phosphate content, but overall the Ca:P ratio and unit cell size remain constant (65).
Similar results are seen for calcified arterial deposits (76).

High temperature ashing (600-700°C) has been used to measure the mineral
content of bone for many years (25, 65, 72, 73, 77-79). High temperatures sinter the
crystals and result in a material without the structural detail of the original tissue,
although it is macroscopically similar (67). More recently, lower temperatures have also
been used to deorganify bone. Bone samples treated to either 300°C or 500°C retain the

osteonal structure, complete with Haversian canals and lacunae reminiscent of the original
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material (67). Additionally, the macroscopic contiguity and relatively high load bearing
capability of bone after heating to these lower temperatures will be shown later in this
dissertation (Chapter 3).

TEM investigation reveals that the cross-banded pattern seen in mineralized
collagen fibrils (Figure 2.5) persists in low temperature treated bone (Figure 2.8) which
suggests that no sintering occurs at low temperatures (67). Furthermore, x-ray diffraction
patterns show no change when bone is heated to 350° C 400° C or 600° C for two hours
as compared to unheated bone (Figure 2.9) (45). Bone treated at 700° C or higher has
substantially altered diffraction patterns, peaks become sharper and more distinct (Figure
2.9) indicating that sintering occurs between 600° C and 700° C (45).

Specimens heated at a variety of temperatures (300, 500, 700, 900 or 1200°C)
were all described as “protein free” as assessed by calorimetric determination of
hydroxyproline (67). Hydroxyproline is not common in non-collagenous proteins. Thus
the absence of hydroxyproline does not necessarily imply a complete absence of protein,
but rather an absence of collagen. More specifically, the absence of hydroxyproline does
not necessarily imply that all of the collagen has been removed, but only that the
hydroxyproline has either been damaged or removed; some other portions of the collagen
chain may remain after heat-treatment. Furthermore, it will be shown later in this
dissertation that as much as 15% of the organic material persists after heating at 350° C
for 48 hours (Chapter 3). This suggests that some of the organic material is tightly
coupled to the mineral phase and is not affected by heat treatment. Although it is more

abundant, this may be the same material that remains after ethylene diamine extraction,
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providing further indirect evidence that the mineral crystals are held together by small
amounts of organic matter.

Differential thermal analysis of bovine dentin indicated that a large exothermic
peak exists around 320°C for intact but not deorganified dentin (Figure 2.10). The absence
of the peak at 320°C for deorganified bone indicates that this peak is attributed to the
burn off of organic material (68). Studies on synthetic apatite indicate that in air,
temperatures as high as 400°C have no effect on stoichiometry (80). Collectively, these
data indicate that there is little change in the structure of bone mineral at any level:
macroscopic, microscopic, crystal or atomic, with heat treatments at or below 400°C
although the composition and role of the remaining organic material are still unknown.

Sodium hypochlorite (household bleach) is another chemical used to isolate the
mineral component of bone. This is a relatively new technique and has been used
successfully on finely ground particles of bone (40, 70, 71) and dentin (68). It has the
disadvantages that it is not effective on larger samples and results in calcite (68), a mineral
phase that is different from the hydroxyapatite found in bone.

The sixth technique used to remove the organic components from bone is a
nonaqueous method that couples hydrazine treatment with subsequent low power plasma
ashing (46). This method was developed to overcome the dissolution of the mineral that is
thought to occur with aqueous methods. The first step in this procedure is milling the
bone to 75-150um powder and soaking in chloroform and methanol to remove the lipids.
Second, the particles are treated with hydrazine (for three 12 hour periods) or subjected

to a low power plasma ashing (5-10 W for 5-15 minutes) or both. Bone mineral crystals
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from four different species have been successfully extracted with this method and all have
resulted in discrete crystals. X-ray diffraction, infrared spectroscopy and TEM analysis
indicate that bone mineral isolated with this method is not different from bone crystals
isolated from the surface of bone tissue by sonication in ethanol only (Figure 2.11). This
suggests that the former method does not alter the mineral and provides more evidence
that: a) the bone crystals are discrete in situ; and b) other methods (ethylene diamine
extraction and heat treatment) leave some trace of organic material which binds discrete
crystals into a contiguous structure.

Of the six different techniques available to remove the organic components from
bone, all but one leave some amount of contiguous mineral. In particular, ethylene diamine
and low temperature heating have no adverse effects on the mineral crystal size or x-ray
diffraction pattern. The contiguous nature of the material resulting from these techniques
suggests some of the mineral phase of bone is contiguous in situ. An alternative and more
likely explanation is that a small amount of organic material remains bound to the mineral
after ethylene diamine or low-temperature heat treatment and acts as a glue to hold the
mineral component together. This seems more plausible, since our data suggest that about
15% of the organic material remains after heat-treatment (see Chapter 3). Our attempts to
extract this organic material from 350° C heat-treated bone with ethylene diamine and
chloroform methanol however, have been unsuccessful. The discreet nature of the mineral
phase is also supported by the individual crystals observed after hydrazine treatment and
plasma ashing (46). Identification of the composition of the heat- and ethylene diamine-

resistant organic material and its spatial relationship to the mineral crystals are other
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important parameters for composite modeling of bone. Future work is needed to
determine the composition, location and mechanical role of this material.
The Structure of Bone Collagen

Collagen is the most abundant protein in the body, accounting for nearly one third
of all proteins by weight. The collagens are a family of at least 13 different proteins which
all have a similar structure consisting of a superhelix of three different peptide chains. In
most types of collagen the molecules are arranged in a highly ordered array to create a
fibril. While a two-dimensional model of the molecular arrangement of collagen is widely
accepted, the three-dimensional arrangement is not yet clear.

Molecular Structure

The collagen molecule is comprised of three distinct peptide chains. In bone

collagen, which is type I, two of the peptide chains (1) are from the same gene and one
(02) is from a second gene, thus type I collagen is labeled: [a1],02. Each chain forms a

left-handed helix with 3.6 residues per turn. The three chains are then intertwined to form
a right-handed super helix (81, 82) (Figure 2.12). Each left-handed helix is made of 338
triplet repeats with nearly every third residue being glycine (83) . Glycine occupies the
central positions in the super helix, where steric hindrance would prevent other larger
residues (Figure 2.12). The imino acids, proline and hydroxyproline, follow glycine in the
primary structure (i.e. Gly-Pro-Hyp) throughout approximately one third of the collagen
molecule. The ring structures found in the imino acids favor the triple helical

conformation. On each end of the 338 triplet repeat chain, short (10-30 residue)
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telopeptides help stabilize the intermolecular structure (Figure 2.13). The super helix is a
rod shaped molecule 294 nm long (84) and 15 A in diameter (85).

Collagen Fibril Structure

Extracellular collagen molecules are arranged into fibrils. A model of the fibril
structure was proposed in 1963 by Hodge and Petruska (86) and is now widely accepted.
In this model, individual collagen molecules are stacked head (carboxyl terminus) to tail
(amino terminus) with a short gap between them. Side-to-side, molecules are arranged in a
quarter-staggered array (87) (Figure 2.14). The quarter-staggered array results in
alternating dark and light sections when negatively stained and viewed with an electron
microscope. The dark bands are at cross-sections where there is a hole or gap every fifth
molecule (called the h-zone or g-zone); the light bands correspond to overlap regions
where no hole zones exist (0-zone). The repeat period of the collagen fibril is called the D
period and consists of one dark and one light band. The length of the D period is 66.8 nm,
the gap between molecules is 0.52 D periods (35 nm).

Much less is known about the three-dimensional arrangement of collagen
molecules within the fibrils. In bone, fibrils range from 20 to 40 nm in diameter, suggesting
200 to 800 molecules in the cross-section of a fibril. No data on fibril lengths has been
reported. Most models of the three-dimensional collagen arrangement include a discussion
of the location of the mineral crystals, since the total mineral volume is substantial (43%
of wet bone) (88) and affects how the collagen is packed. The next section contains a
more detailed discussion of structure of the collagen fibril, in the context of the

mineralized fibril, which is the building block of bone.
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Composite Structure of Bone

Mineralized Collagen Fibril Structure
As discussed above, the three-dimensional structure of the collagen fibril remains

elusive. Models of the three-dimensional structure of bone collagen fibrils must account
for the inclusion of the mineral phase within the fibrils. This fact has been used to exclude
some early models. Many different models for the three-dimensional packing of collagen
molecules have been proposed; most are slight variations on others. Three representative
structural models are discussed here. In the first and simplest model, there is no order to
the planes of quarter-staggered molecules. Consequently, there is not necessarily any
alignment between hole zones. In this model the hole zones may be as small in cross-
section as a single collagen molecule, about 1.5 nm in diameter which is too small to
accommodate the mineral crystals and therefore not a likely configuration for bone
collagen.

In the second model, quarter-staggered planes of molecules are also offset in a
quarter staggered array . This results in hole zones which are in line but not contiguous
(Figure 2.15f). Again, these hole zones would be about 1.5 nm in diameter, too small for
mineral crystals, suggesting this is not a possible arrangement for bone collagen.
Additionally, this model assumes hexagonal packing. Although the lateral packing of
collagen molecules in rat tail tendon is hexagonal (89), it may not be in other tissue types
since x-ray diffraction patterns are different (90, 91), and because hexagonal packing

would be too tight to accommodate the mineral phase of bone (92).
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The third model proposes that the quarter-staggered planes are stacked side-by-
side with no offset (93) (Figure 2.15¢). This results in hole zones which are in line and
contiguous. Although this model also assumes hexagonal lateral packing, the alignment of
the hole zones provides for large channels where the mineral crystals can reside. This
model is the most accepted, because it is the only model with hole zones large enough for
the mineral crystals (42). Studies on cross-link locations (94) also suggest that this model
is the most accurate. Analysis of the cross-link pattern also shows that all the collagen
molecules are azimuthally aligned (94). Of course, many other stacking arrangements
(most non-hexagonal) could be proposed. It has also been suggested that the lateral
packing may change during mineralization (92, 95). This would indicate that one spatial

model can only be correct before or after mineralization, but not both.

Lamellar Structure
The lamellar structure of bone was first recognized by Havers, over three hundred

years ago (5). Specifically, Havers observed structures composed of concentric cylinders,
each cylinder had a central canal for blood and nervous supply and from five to twenty
layers, or lamellae, surrounding each canal (5). These cylindrical structures are called
osteons and will be described in more detail in the next section. Lamellae are present in
osteons, in the periphery of long bone diaphyses (as circumferential lamellae), and between
osteons (as interstitial bone) (Figure 2.16). The exact structure of the lamellae that Havers
observed is still unclear. The collagen fibers within each lamella are usually considered to
have a single principal orientation, but even this is controversial (96). Many different
models of lamellar structure have been proposed but only three are unique; these three will
be discussed here (Figure 2.17).
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The first model, proposed by Gebhardt (97-99), claims that there are no structural
differences in differerit lamellae, only differences in principal orientation as determined by
the orientation of the collagen fibrils (97-101). The second model proposes that there is a
structural difference in different lamellae in addition to changes in the collagen orientation
between lamellae, the packing density of the collagen fibrils is low in one lamellae and high
in the next (102-105). The third and most recent model suggests that there is no principal
orientation to the collagen fibers within each lamella, but that only the amount of
mineralization and collagen packing density distinguish different lamellac (96, 106-108).
While Gebhardt’s model is commonly found in histology textbooks, there are recent
studies supporting each model (54, 96, 106, 108, 109).

Gebhardt’s observations of thinly ground transverse sections of undecalcified bone
through polarized light suggested that lamellae in osteons have alternating orientations, with
the collagen fibers arranged along the length of the osteon in one lamella and
circumferentially around the osteon in the next (97, 98). Thus the orientation of
neighboring lamellae differ by approximately 90°. Different lamellae are distinguished by
assuming that lamellae with longitudinally oriented collagen fibers will appear dark when
observed between crossed polarizing filters while lamellae with transversely (or
circumferentially) oriented collagen fibers will appear bright (Figure 2.18). This effect is
due to the fact that polarized light is extinguished in materials that are isotropic in the plane
of the section but it is transmitted in materials that are anisotropic (oriented) in the plane of
the section. An important limitation of polarized light microscopy is the assumption that
dark lamellac have only longitudinally oriented fibers and bright lamellac have only
transverse or in-the-plane fibers. As noted by Marotti (96), the lamellac which appear
bright may contain other fibers which are not in the plane of the section and are therefore
extinguished. Conversely, the lamellae which appear dark may not be longitudinally
oriented but rather afibrillar, that is, lacking fibers altogether, or made up of randomly
arranged fibers (96). These types of lamellae would also appear dark since they are
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isotropic in the plane of the section (and in all planes). This limitation has lead to the use of
the scanning electron microscope as a tool to study the lamellar structure of bone (100,
101, 107, 110).

A recent variation on the Gebhardt’s model is the twisted or rotated plywood model
(100, 101). This model is similar to Gebhardt’s model in that different lamellac are
considered to have different orientations. It differs from Gebhardt’s model however, in that
the collagen orientation is not constant throughout an entire lamella but rather it can vary
through the thickness (110). A series of nested arcs was observed in some thin sections of
undecalcified bone (101) and these arcs were interpreted as a twisted plywood architecture,
in which the angle between neighboring layers of collagen fibers is much less than 90°.
These layers were observed within a single lamellae, suggesting that there is a continuous
shift in the orientation of the collagen fibers through each lamellae which appears as series
of nested arcs when viewed in an oblique section (Figure 2.19). Further observations
suggested that there are five planes or arrays of fibers within each lamellae, each differing
by 30° such that the fourth array is perpendicular to the first and the collagen orientation
varies from 0° to 120° in each lamella of this type (Figure 2.21). In addition to the nested
arc structure, other sections showed a herringbone pattern, indicative of the traditional
Gebhardt model with a 90° angle between successive lamellae. These observations of bone
in a scanning electron microscope thus confirmed a refined version of the Gebhardt model
of lamellar structure.

A second model of lamellar structure supposes that the main difference between
lamellae is in the collagen packing density and the amount of “ground substance” which
fills the void space. In this model the lamellac alternate between a narrow, compact,
collagen-dense structure (called fibrous, striped or compact lamellae) and a broad, diffuse
mineral rich structure (called homogeneous, intermediate or diffuse lamellae). Variations of
this model have been proposed by several authors (102-105) but it was most fully
developed by Ruth (102). In addition to the differences in fibril packing density, the fibril
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orientation was alternated between radial and circumferential; no longitudinal fibrils were
observed (102). These studies were based solely on images obtained through transmitted
and polarized light microscopy, although 5-10 pum thick sections did reveal differences in
radioopacity in alternating lamellae suggesting that some differences in mineral density do
exist (111). Recent studies, in particular, those which utilize the scanning electron
microscope, have not reported any radially aligned fibrils, but have confirmed the loose-
dense-loose arrangement of successive lamellae (107, 108).

The third, and most recent, model of the lamellar structure of bone incorporates the
loose-dense-loose packing of successive lamellac but contends that there in no principal
orientation in any lamellae (96, 106-108). Viewing bone in a scanning electron microscope
at 11,000 X magnification, Marotti demonstrated that there are mostly randomly arranged
fibrils in both the thick (previously called diffuse or transverse) and thin (previously called
compact or longitudinal) lamellae although some small packets of oriented fibrils were
observed (106-108) as previously reported(110). If this model is correct, it would suggest
that bone is an isotropic material, at least with respect to the organic component.

Although there is a great discrepancy between these models, some of the
differences can be explained by looking closely at the interpretation of images observed
with polarized light microscopy. The argument follows that first made by Marotti (96, 107,
108). Specifically, the images that originally lead to both Gebhardt’s and Ruth’s original
models were at the light microscopic level, from 200-1,000 X magnification and employed
polarized light microscopy. These authors, and many others, assumed a priori, that
lamellae which appear bright, or birefringent, must contain only fibers which lie in the
plane of the section, i.e. transverse fibers in a transverse section or longitudinal fibers in a
longitudinal section. This may not have been the case (Figure 2.18). Other fibers, not in the
plane of the section may have been present, but were not seen since they were isotropic and
thus extinguished. Thus lamellae which were considered transverse because they were

birefringent in a transverse section may also have contained longitudinal or oblique fibers
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which were extinguished under polarized light. Additionally, since fibrils viewed in cross-
section are round and thus isotropic in the plane, extinguished lamellae were assumed to be
comprised only of fibers perpendicular to the section. An alternative explanation of this
finding is that these lamellae may have lacked fibers or had a random arrangement of fibers
of which would lead to an isotropic and thus extinguished appearance under polarized light.
While this is a strong argument that polarized light microscopy may not be an accurate
method for determination of collagen fibril orientation, the bulk of the data obtained from
electron microscopy still supports the rotated plywood (revised Gebhardt) model (100,
101).

The parallel sheets of lamellae is another composite level of bone. In this level, each
group of lamellae is considered a stacked laminate, where each laminae is embedded with
mineralized collagen fibrils aligned in one direction. Modeling the mechanical properties of
bone with this type of composite structure is usually done in the context of osteonal bone,

which will be described in the next section.

Osteonal Structure
Two types of osteons, or Haversian systems, have been described according to

when they were created. Primary osteons, as their name implies, are the first osteons
created. They replace woven bone, which is the first bone created in mammals and has
randomly oriented collagen fibrils. Primary osteons are, in turn, replaced by secondary
osteons. Primary osteons are replaced as early as the sixth month of fetal development

(112); osteons found in human adults are secondary osteons and thus most studies have

focused on these. All osteons are comprised of a central (Haversian) canal which houses
blood supply and nerves and from five to 20 concentric lamellae surrounding the canal.
Primary and secondary osteons are distinguished by the cement sheath which surrounds
secondary osteons as a result of the change in cellular activity from resorbing to creating

bone. The cement sheath, or cement line as it is often called, is a layer of calcified
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mucopolysaccharides with very little collagen (113, 114) and a lower mineral fraction
than the osteons they surround (115, 116).

The highest of the hierarchical composite levels of bone is that in which the
osteons act as continuous fiber reinforcements in a matrix of interstitial bone. The
interstitial bone is comprised of lamellar bone and the remains of osteons that have been
replaced by newer ones. Thus it tends to be older and more highly mineralized compared
to osteons themselves. Modeling the mechanical properties of bone with this type of
composite structure requires knowledge of the dimensions of osteons and possibly the
lamellae that comprise them. Osteons are typically 150-300 um in diameter (64);
Haversian canals are 75-150 um diameter (64); each lamella is 5-10 pm thick (64); and
there are approximately 10-20 lamellae per osteon. The exact length of osteons is difficult
to measure since they bifurcate and connect along the length of the bone, but an average
length of 10 mm has been suggested (117).

Most authors have described osteons according to the principal orientation of the
constituent lamellae even though the structure of the lamellae themselves is still somewhat
controversial as discussed previously. Generally, either the original or revised Gebhard
(rotated plywood) model is assumed to be correct, and then osteons can be characterized
according to their appearance between crossed-polarizers (Figure 2.23). Osteons viewed
in longitudinal cross-section between crossed-polarizers are classified as light, dark or

intermediate. Light osteons contain mostly circumferentially oriented lamellae; dark osteons

mostly longitudinally oriented lamellae; and intermediate osteons some of each (118-120).

Different types of osteons withstand mechanical loads differently; light osteons are stronger
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in compression and dark osteons are stronger in tension (118, 121). This suggests that
there is some level of fiber alignment within lamellae, as described by the original or
revised Gebhardt model, since randomly arranged fibers would all be stronger in

compression like larger samples of bone.

Summary
Overall, there are four identifiable hierarchical levels of the composite structure of

bone: mineral crystals acting as short-fiber reinforcements in a matrix of collagen;
mineralized collagen fibrils acting as continuous-fiber reinforcements in a matrix of mineral
and non-collagenous proteins; groups of lamellae acting as a stacked laminate reinforced
with mineralized collagen fibrils; and osteons acting as continuous-fiber reinforcements
embedded in a matrix of interstitial bone. Different models have been proposed to describe
the anatomy at each level of composite structure. These structural models, together with
observations and data from x-ray diffraction, spectroscopy, light and electron microscopy,
then provide input parameters and guidelines for developing theoretical models that aim to
explain the mechanical properties of bone tissue. Mechanical models may include one or
more of the composite levels of bone tissue. Models which include only one composite
level are easily interpreted but may lack accuracy. Conversely, more complex models may
be more accurate but will be more difficult to interpret. Theoretical models of different

hierarchical levels will be proposed and discussed in more detail in future chapters.
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Table 2.1. Composition of cortical bone. Entries in italics are percentage of organic matter.

Data from (122) and (123).
Weight % Volume %
dry wet dry wet
Mineral 77 69 57 43
Organic matter 23 21 43 32
Collagen (Type 1) 90-94 90-94 NA NA
Glycosaminoglycans 1 1 NA NA
Other proteins 5-9 5-9 NA NA
Lipids 0.5 0.5 NA NA
Water NA 10 NA 25
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Figure 2.1. Stoichiometry of hydroxyapatite and the substitutions found in bone.
Substitutions affect chemical properties of the mineral, especially solubility, which may
have important biological implications. An alternative stoichiometry which accounts for the
most common substitutions has been proposed: Ca,,(PO,), ,(CO,),(HPO,),(OH),, where

Y decreases and X increases with age but always sum to 1.7 (22).
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Figure 2.2. Hydroxyapatite structure projected down the c-axis on the basal plane. From

(124), figure 9-7; data originally from (24).
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Figure 2.3. Transmission electron microscope cross-sectional images of a bone mineral
crystal. A: The a-b plane with lattice dimensions (8.17 A in a and b directions) and a unit
cell indicated. B: A longitudinal section showing the a-c (or b-c) plane with lattice

dimensions (8.17 A X 6.88 A) and a unit cell indicated. From (31), Figures 16 and 17.
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Figure 2.4. Definition of unit cell of bone mineral. Parallelepiped unit cell is in bold, -
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Figure 2.5. Unstained collagen fibril extracted from turkey leg tendon, more mineralized
areas appear darker in the image. The fibril is unmineralized at the top and substantially
mineralized at the bottom. Near A, crystals are generally confined to gap regions, whereas

near B the crystals look longer and extend into the overlap regions. From (42), Figure 3.
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Figure 2.6. Cross-sections of two of a child’s vertebrae after extraction in ethylene

diamine. Note the contiguous nature of the bone tissue. Kjeldahl analysis indicated that less

7~
foe-

than 0.1%, by weight, nitrogen remained, indicating that all of the organic material had

——

been removed. From (63), Figure 1.
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Figure 2.7. Weight loss in human bone during ethylene diamine extraction. Percent of

maximum loss was calculated assuming that bone is 65% mineral by weight. Adapted from

(61), Figure 1.
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Figure 2.8. TEM micrographs of bone heated overnight at 500°C, mineral appears dark in
the images. The cross-banding of collagen fibrils is revealed by the electron density of the

mineral phase (top, 20,000 X). The mineral phase can be resolved into needle shaped
crystals aligned with the fibril axis (A). From (67), Figure 7.
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Figure 2.9. X-ray diffraction patterns of intact, heat-treated (350° C) and ashed (700° C)
human bone. Heating at 700° C or above substantially affect the diffraction pattern, peaks
become more distinct and sharper, temperatures below 400° C do not induce this effect

(see Chapter 3).
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Figure 2.10. Differential thermal analysis curves for untreated and sodium hypochlorite
(NaClO) treated samples of human dentin. The existence of a large peak near 350° C in
untreated dentin but not in the NaClO treated bone indicates that the organic material is

removed at 350° C. Modified from (68), Figure 1.
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Figure 2.11. Electron micrographs of crystals of bovine bone isolated by sonication in
ethanol (A) or by nonaqueous washing and low power plasma ashing (B). The crystals

liberated with both methods are similar indicating that low power plasma ashing did not
damage the mineral crystals. From (46), Figure 3.
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Figure 2.12. Diagrammatic representation of a cross-section through a collagen molecule
showing three separate chains, labeled A, B & C. Glycine (G) usually occupies every third
position, proline (Y) and hydroxyproline (X) follow glycine in about one third of the
collagen molecule. Since there are 3.6 residues per turn of each peptide chain, the small
glycine residues reside along the central axis of the triple helix. From (125), Chapter 6,
Figure 1.
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Figure 2.13. Diagrammatic representation of a collagen molecule, complete with N- and C-

propeptides and the central super helix, with 337 triple repeats. Part of each propeptide is

cleaved after the molecule leaves the cell. From (125) Chapter 6, Figure 2.
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Figure 2.14. Diagrammatic representation of an array collagen molecules arranged in a
quarter-stagger arrangement (top); negatively stained electron micrograph of collagen fibril
(bottom). The scales along the molecules are the same, (one molecule is 294 nm long) but
the thickness is magnified in the top view (one molecule is 1.5 nm thick). One D-period
consists of one dark and one light band (66.8 nm). From (125) Chapter 6, Figure 3.
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Figure 2.15. Top: schematic cross-section of one model of the three-dimensional stacking
of collagen molecules. This arrangement was made by creating a quarter staggered pattern
in both hexagonal directions. The hole zones are not adjoining; this is unfavorable for
accommodating wide mineral crystals. Bottom: schematic cross-section of an different
model. This arrangement was made by stacking the quarter-staggered planes with no lateral
offset. The hole zones are contiguous, a favorable scenario for mineral deposition and
growth. The letters indicate color bands on the plastic model that was built to visualize the
model; each color represents a fixed location along the length of the collagen molecules.

Modified from (126), Figures 7 and 8.
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Figure 2.16. Diagram of a sector of the shaft of a long bone. The osteons (Haversian
system: HS) are located between the outer and inner circumferential lamellae (OL, IL,
respectively). The lamellae that form osteons are arranged concentrically around a central
Haversian canal (HC). Cement lines separate the osteons from interstitial bone, which is

comprised of the remnants of partially resorbed osteons. From (101).
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Figure 2.17. Three models of the lamellar structure of bone. A) The original and most
accepted model proposed that the collage fibers in each lamellae were aligned and that the
orientation alternated between longitudinal and transverse (99). B) A second unique model
proposed that the osteonal lamellaec were either diffuse and radially aligned or dense and
circumferentially aligned, the main difference being the collagen packing density (102). C)
The most recent model denies any principal orientation in lamellae and proposes instead that
all fibers are randomly arranged and collagen packing density is the only difference in

alternating lamellae (108). Based on figure from (108).
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Figure 2.18. Schematic diagram to illustrate different structures (top) and their theoretical
appearance between crossed polaroids (bottom). In each section, lines and curves represent
fibrils in the plane of the section, dots indicate fibrils lying perpendicular or at oblique
angles to the plane of the page. The structure in A appears bright since it is anisotropic
(highly oriented) in the plane of the section. The structure in B also appears bright, since it
too is anisotropic. It does contain some fibrils not in the plane, however. The structure in C
appears dark since it is isotropic in the plane of the section. The structure in D also appears

dark even though it does not contain any fibrils normal to the plane of the section.
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Figure 2.19. An oblique section through decalcified human cortical bone, 7,650 X. Small

changes in angles between arrays of collagen fibrils results in a nested arc structure,

indicated by the dotted line. From (101).
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Figure 2.20. Schematic of twisted plywood structure of lamellac. A. On each parallel
plane, lines indicate the direction of the fibrils. B. A transverse section where the fibrils
appear as short or long segments, depending on the angle that the plane makes with the

fibrils in each layer. C. An oblique plane results in a series of nested arcs. From (101).
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Figure 2.21. Schematic model of the collagen orientations in five arrays of parallel fibrils

that together comprise one lamellar unit. Each cylinder represents a single array. The

¥
o
horizontal array in the foreground is repeated in the background. The latter represents the C’_
first array in the adjacent lamella. The angle between each array is 30°, and so the fourth :

array is orthogonal to the first and the arrays in each lamella span 120°. From (100).
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Figure 2.22. Schematic of orthogonal plywood structure of lamellae. A. On each parallel
plane, lines indicate the direction of the fibrils. B. A transverse section aligned with the
fibrils in some planes and perpendicular to others. C. An oblique plane with one direction
parallel to the fibrils in some planes. D. An oblique plane with no directions in common

with the collagen fibrils results in a herringbone pattern. From (101).
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Figure 2.23. Diagrams and polarized light micrographs of light (a), intermediate (b), and

SUuid

dark (c) osteons illustrating the principal orientation of the lamellae in each type of osteon.
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Chapter Three. Characterization of the Mechanical and
Ultrastructural Properties of Heat-Treated Cortical

Bone for Use as a Bone Substitute

56






Introduction
While autografts are the most common replacements for human bone tissue, their

limited volume and requisite additional surgery indicate a need for alternative strategies
(127). The traditional alternatives, allograft and xenograft, overcome these limitations but
introduce risks of rejection and disease transfer (128-131). Synthetic biomaterials
overcome these limitations but they often lack the osteoinductive properties that real bone
offers (132-134), differ structurally from real bone, resorb too slowly after implantation
(132, 133, 135, 136), and lack the initial strength required for load bearing applications
(137). One strategy to improve non-autograft bone transplant materials is to process natural
bone in some manner that eliminates the risks associated with allografts and xenografts
while maintaining their advantageous biological and mechanical properties. Toward this
end, heat-treated cortical bone has been suggested as an alternative bone transplant material
(66, 67, 79).

Although collectively the evidence suggests that heat-treated bone may be an
excellent substitute for both bone grafts and synthetic bone substitutes, a complete
mechanical and ultrastructural characterization of heat-treated bone has not been performed,
thereby undermining its clinical usage. Studies of bone deorganified with methods other
than heating (74, 75) have indicated that deorganified bone may have mechanical properties
suitable for situations where load is shared between the implant and the surrounding host
tissue. The tensile stiffness of ethylene diamine deorganified bone matches that of intact
bone (75), which in theory should reduce stress shielding and subsequent resorption from
the surrounding tissue compared to a stiffer implant (138). Ultimate compressive strengths
ranging from 37 to 47 MPa have been reported for ethylene diamine deorganified bone (74,
75). These values are lower than the strength of cortical bone (139) but much greater than
that of trabecular bone (140) or synthetic bone substitutes (137) and are probably high
enough for compressive functional loading (141, 142). Taken together, these findings

suggest that heat-deorganified bone may be a viable alternative to current bone substitutes
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in certain load bearing situations, although a complete mechanical characterization is needed
to confirm this.

Electron microscope studies have shown that Haversian canals and other
microstructural features are preserved at S00° C (67) and x-ray diffraction studies have
shown similar patterns at 400° C (45). These findings suggest that the both microstructure
and ultrastructure are unaltered by heat treatment at 400-500° C, which should be
advantageous from a biological perspective. However, these previous studies have been
qualitative and it is possible that subtle differences existed between intact and heated bone
but were not detected. For example, the carbonate content of synthetic apatite, which is
similar in chemical composition and crystal size to bone mineral, is changed subtly at

400° C, and this can only be detected by quantitative analysis (143, 144).

The overall goal of this study was to better characterize heat-treated bone for
potential use as a bone substitute. Low temperature (400° C and lower) heat treatments
were considered since they should minimize microstructural and ultrastructural changes to
the bone mineral, remove most of the organic component, and eliminate risk of disease
transfer. If the mechanical properties and ultrastructure of this type of heat-treated bone are
similar to those of intact bone, this would provide a more confident basis for the clinical
use of heat-treated bone in load-bearing situations. Our specific objectives were to: a) Select
the heat-treatment protocol (time and temperature) which removes the largest amount of the
organic component of bone in the shortest time; b) Compare the elastic and failure
properties of intact vs. heat-treated bovine bone in both compression and tension; and c)
Compare the ultrastructure of intact vs. heat-treated human bone using infrared
spectroscopy and analytical x-ray diffraction. Bovine bone was used in the mechanical
analyses since this is the likely source of clinical bone substitute material. Human bone was
used in the ultrastructural analysis to add generality to the results since our pilot studies
indicated that the effects of heat treatment on ultrastructure were the same for bovine and

human bone.
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Methods

Specimen Preparation
A preliminary study was performed to determine the time and temperature required

to remove the organic component of bone. For this, thirty discs (5 mm diameter, 1.5 mm
thick) of bovine cortical bone were machined and assigned to one of five treatment groups
(n = 6 per group): 50° C (control), 300° C, 350° C, 400° C and 700° C. Dry weights
were measured for all samples after drying at 50° C until the daily change in weight was
less than 1%.

For mechanical testing, ten cylindrical samples (5 mm diameter, 22 mm long)
were cored from ten bovine humeri (approximately 2 years old) along the diaphyseal axis
and then cut in half (11 mm long) to produce 10 pairs of specimens (10 each for intact and
heat-treated; Figure 3.1). The ends of each specimen were then ground parallel using a
commercial grinding wheel' and a custom fixture to hold the specimens. Grinding resulted
in specimens approximately 10 mm long and 5 mm diameter for subsequent compression
testing between parallel stainless steel platens. Specimens were machined to dimensions
comparable to the dimensions and aspect ratios listed in ASTM standards for ceramics and
concrete (145, 146) in order to minimize the non-linear toe associated with platens
compression testing. Slabs from a different set of 12 fresh bovine humeri were cut into two
different specimen geometries to accommodate tension testing of intact and heat-treated
samples (Figure 3.1). Intact bone samples were prepared by machining one slab from each
bone into a reduced-section geometry (6 mm gage length, 2 mm wide in the gage length,
1.5 mm uniform thickness). Twenty heat-treated tension specimens were prepared in the
same manner as the compression samples. Overall, six specimens were damaged during
machining, handling, or while being attached into the load frame and were therefore

discarded from further analysis. A total of 46 specimens remained: 10 intact compression;

! Ecomet I, Buehler Ltd., Lake Bluff, IL
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10 heat-treated compression; 8 intact tension; and 18 heat-treated tension.

An additional 11 cylindrical specimens were machined and assigned to an ashed
group (700° C treated) to be tested in compression. These were prepared from a different
set of four bovine humeri and included to confirm our preliminary observations that ashed
bone had an exceptionally low strength and was unsuitable for use as a bone substitute in
load bearing applications.

For analysis of the ultrastructure, one ten millimeter thick cross-section was cut
from the proximal diaphysis of each of seven fixed human left femora (three females aged
76, 82, and 91 years and four males aged 61, 67, 85, and 89 years). One cylindrical core
(5 mm diameter, 10 mm long) was machined from each section (Figure 3.1). Each core
was then sectioned into three, four, or five 2 mm thick discs, for a total of 30 discs.
Eighteen of the discs were then randomly selected and assigned into one of three groups (n
= 6/group) for treatment: intact, heat-treated, and ashed. The remaining 12 discs were
saved for use in a separate experiment. The ashed group served as a positive control group
for the ultrastructural analysis since crystallographic changes are known to occur in bone
mineral when heating above 600° C (67, 79, 144). The intact samples were lyophilized
overnight to remove the water and provide more accurate comparisons of dry weight and
structural parameters between groups. Dry weight was measured in the heat-treated and
ashed groups after dehydrating at 50° C until the change in weight was less than 1% per
day.

Heat Treatment
The time-temperature characteristics for removing the organic component of bone

were quantified in a preliminary study. Thirty discs (5 mm diameter, 1.5 mm thick) of
bovine cortical bone were assigned to each of five treatment groups (n = 6 per group):
50° C (control), 300°C, 350°C, 400°C and 700°C and heated at the assigned
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temperature in a muffle furnace’. Weights were recorded every 24 hours until the daily
change in weight was less than 1% for three consecutive days. All heat-treatments were
performed at atmospheric pressure and ambient humidity. To adjust for weight changes due
to the variation in the water content of each sample and changes in humidity, the average
daily weight change of the control group was subtracted from the measured weight change
in each sample. All groups were then normalized to the 700° C group, since 700° C
removes all of the organic material in 18 hours (72, 147, 148). This protocol was
determined to be the lowest temperature-time combination that removed at least 80% of the
organic material from bone in less than one week (see Results section). Based on these
results, heating to 350° C for two days was selected as the protocol for further study.
Specimens assigned to the heat-treated groups for mechanical and ultrastructural
characterization were then heated at 350° C for 48 hours. Specimens assigned to the
control groups were wrapped in saline-soaked gauze and stored at -4° C until mechanical
testing was performed. Specimens assigned to the ashed groups were heated to 700° C for

18 hours in order to completely remove the organic component.

Mechanical Characterization
A series of compression and tension tests were conducted to measure the elastic and

failure properties of intact and 350° C heat-treated bovine bone. Compression tests were
performed on a servo-hydraulic load frame® with a one inch extensometer* attached to the
platens to eliminate the effects of load frame compliance. Before heat treatment, all
compression samples were non-destructively tested to a 1200 N compressive load in
displacement control at approximately 0.01% strain per second. This provided a measure of
the elastic modulus for all specimens before any treatment and a method to justifying the

statistical analysis used. After heat treatment, all specimens were tested to failure (3%

2 FB1300, Thermolyne Corp., Dubuque, IA
3 Mini-bionix 858 MTS Corp., Eden Prarie, MN.
4 Model 632.11F-20 MTS Corp., Eden Prairie, MN.
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strain) in compression at the same strain rate. The non-destructive nature of the first tests
was confirmed by comparing elastic modulus in the non-destructive vs. destructive tests;
any damage introduced in the non-destructive test would have reduced the modulus
measured in the second test, and this was never observed.

For the tension tests, two different protocols were used to accommodate the
different specimen geometries and the brittle nature of the heat-treated bone. The reduced-
section tensile intact bone samples were held in aligned wedge grips on a tensile micro
stage’ and loaded to failure at approximately 0.03% strain per second. Load was measured
using a 2200 N load cell; strain was measured with a miniature extensometer® attached
directly to the specimen. The heat-treated specimens were tested similarly to those tested in
compression (i.e. between parallel stainless steel platens) since reduced-section specimens
of heat-treated bone could not be fastened into the wedge grips without fracturing. For
these tests, a cyanoacrylate adhesive was used to attach each specimen to the platens. Intact
tensile specimens could not be tested in this way because the cyanoacrylate adhesive failed
at lower loads than the intact specimens.

Elastic modulus was measured as the maximum slope, measured with a least-
squares linear regression over a 0.1% strain range, in the initial linear region of the stress-
strain curve. The yield point was defined using the 95% secant method, which is the
intersection of the stress-strain curve with the line through the origin having a slope equal
to 95% of the elastic modulus. This method is a more sensitive measure of initial non-
linearity than the traditional 0.2% strain offset method and is particularly well suited for

analysis of brittle materials. The ultimate point was defined at the point of maximum stress.

Ultrastructural Characterization

Carbonate content was analyzed using infrared spectroscopy (149). Small chips

5 Model 18211 Emnest F Fullam Inc., Latham NY.
§ Model 632-29C-30 MTS Corp., Eden Prairie, MN, 5 mm gage length.

62

=



from each sample were ground in an agate mortar and 1 mg was blended with 300 mg of
ground spectroscopic grade potassium bromide. A pellet of pure potassium bromide was
also prepared and used as a background reference. Transparent 1/2 inch diameter pellets
were pressed in a die under a load of 100 kN. Infrared spectra from 400 cm™ to 4000 cm’
! were recorded on a ratio recording infrared spectrophotometer’. Carbonate content was
determined by comparing the extinction coefficient, E, of the 1415 cm™ (carbonate) and

575 cm™ (phosphate) peaks in the infrared spectra using the formula

%CO, = 13.5(M) -02 (1)

575

T,.
E = log(i), )
T,,

iis 1415 or 575, and T,; and T;; are the transmissions at the peak maximum and local

where

baseline, respectively. These formulae were previously derived by calibration with
carbonated apatites of known carbonate content as measured by Conway diffusion (149).
Crystallinity was quantified using x-ray diffraction peak widths and locations at
20=259° and 206 =31.8°, corresponding to the (002) and (211) planes of the
hydroxyapatite crystal lattice, respectively. Approximately one milligram of each sample
was ground in a mortar and mixed with approximately one milliliter of ethanol. The
resulting slurry was then placed on a low background holder. After ethanol evaporation,
the sample was scanned from 23°-37° 20 with a 0.024° 20 step size and a two second count
in an x-ray diffractometer®. One sample was selected in each group and scanned from 3°-
65° 20 to check for presence of non-hydroxyapatite mineral phases. Peak width at half

maximum and peak centerline location were calculated by fitting Lorentzian curves to each

7 Model 1430. Perkin-Elmer Corp. Norwalk, CT.
! Geigerflex x-ray diffractometer system, Rigaku Corp., Tokyo, Japan.
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spectra over the ranges 24°-28° 20 and 31° -32.5° 20 using wave analysis software’.

Statistical Analysis

Elastic modulus was compared before and after treatment for both intact and heat-
treated bone in compression using a two-factor repeated measure analysis of variance'®. In
addition to testing of the effects of heat treatment on modulus using a paired design, this
analysis enabled us to justify pairing of adjacent samples for subsequent statistical analysis
of the compressive failure properties. The repeated measure factors in this analysis were
treatment status (before vs. after treatment) and the treatment itself (intact vs. heat-treated).
Paired Student’s t-tests were then used to compare the compressive failure properties
between the intact vs. heat-treated groups. Unpaired t-tests were used to compare elastic
modulus and failure properties in tension (intact vs. heat-treated), since these specimens
were not collected in a paired manner. Since the ashed samples were taken from a different
set of bones and were not part of the main study, they were not included in the statistical
analysis.

Carbonate content, x-ray diffraction peak width at half maximum, and peak
centerline location were compared using a one-factor analysis of variance''. Output
variables significant at the 0.05 level were tested for mean differences using the Tukey
post-hoc test.

Results

The average amount of organic material lost was 84% in both the 350° C and
400° C groups after two days and less than 80% in the 300° C group, even after one week
(Figure 3.2). We chose a 350° C-two day protocol for the current experiment since it
removed as much of the organic material as heating at a slightly higher temperature and was

less likely to alter the mineral phase due to the use of a lower temperature.

? Igor Pro, WaveMetrics Lake Oswego, OR.
' Systat version 5.2, Systat, Inc., Evanston, IL.
! Systat version 5.2, Systat, Inc., Evanston, IL.
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The elastic modulus (mean * SD) of the intact and heat-treated bone was the same
for both compression (16.3+2.2 GPa, p=0.68) and tension (16.3 +3.7 GPa,
p=0.95). In compression, the 350° C heat-treated bone was 37% less strong as
compared to the intact bone (Table 3.1), behaved in an elastic-brittle manner (Figure 3.3),
and had an ultimate strain 38% lower than the intact bone. By contrast, in tension, the
350° C heat-treated bone was much weaker than intact bone, failing at 91% lower stress
and 96% lower strain on average than the intact bone (Table 3.2). Both intact and heat-
treated samples had oblique fracture patterns in compression and transverse fractures in
tension. As expected, some tensile post-yield deformation was observed for the intact bone
but not for the heat-treated bone (Figure 3.3). The strong positive linear correlation
between the strength of the intact bone vs. heat-treated bone in compression (Figure 3.4,
=0.75, p=0.001) indicated that the compressive strength of the intact bone was a
good predictor of the strength of the 350° C heat-treated bone. Ashed (700° C ) bone had
substantially lower stiffness and strength compared to the intact bone (Table 3.1).

Infrared spectra were qualitatively similar in the intact and heat-treated groups
(Figure 3.5) indicating that heat-treatment had little effect on the carbonate content of the
mineral. There was a small but not statistically significant reduction in the amount of
carbonate present after heat-treatment at 350° C (6.3 £ 0.6% vs. 5.4 £ 0.3% for intact
vs. 350° C heat-treated bone, respectively, p = 0.12). As expected, ashing at 700° C
reduced the carbonate content (6.3 £0.6% vs. 2.8 +1.0% for intact vs. ashed,
respectively; p < 0.001), confirming the validity of our ultrastructural analysis techniques.

The similarity between the diffraction patterns of the intact vs. 350° C heat-treated
bone indicated that there was little qualitative change in crystallinity caused by the heat-
treatment (Figure 3.6). Quantitative analysis of the 25.9° and 31.8° peaks confirmed this
observation. Peak width at half maximum height, ﬂ§ — an inverse measure of crystal size
and crystallinity — was not significantly different for intact vs. heat-treated bone at either

25.9° or 31.8° (p =0.12, p = 0.23, respectively; Table 3.3). This indicates that no major
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change occurred in the c-axis dimensions of the mineral after heating at 350° C. Peak
centerline location, a measure of the average lattice spacing in the c-axis direction, was not
significantly different among intact, 350° C heat-treated, and ashed bone at either 25.9° or
31.8° (p= 0.08, p=0.09, respectively). The measurement of peak centerline location
was confounded at 31.8° in the intact and 350° C heat-treated groups due to the overlap of
the 31.8° peak with a second peak at 32.3°. The difference in the centerline locations
measured from 30-32.5° was negligible (32.10 + 0.08° vs. 32.00 + 0.03° for intact vs.
heat-treated). No mineral phases besides hydroxyapatite were observed in the longer (3°-
65° 20) scans. As expected, ashing at 700° C caused substantial changes in the mineral
diffraction pattem compared to both the intact and 350° C heat-treated bone; the
background signal was reduced and peaks were more distinct and sharper (Figure 3.6).
Ashing reduced B% by 51% and 72% for the 25.9° and 31.8° peaks, respectively,
compared to the intact group (Table 3.3; p < 0.001).

Discussion
Previous studies have shown that bone heated to 400-500° C is a good candidate

for a bone substitute material from a biological perspective since it maintains the
microstructural (67) and ultrastructural (45, 67) features of intact bone and is also
biocompatible (66). Our findings extend some of these results to bone heated to 350° C,
demonstrating substantial similarities in both ultrastructure and elastic modulus compared to
intact bone. Maintaining ultrastructure should help promote biological integration of the
implant. Matching the modulus of the implant with that of the surrounding bone should
avoid the stress overload and stress shielding of surrounding bone that is associated with
use of implants that differ in stiffness from the adjacent bone (138). In these respects, the
350° C heat-treated bone appears well suited as a bone substitute, but this does not address
whether or not the implant is suitable for load bearing situations. Habitual in vivo strains on
human cortical bone rarely exceed 2,000 microstrain (0.2% strain) (141, 142). Using a

modulus of 16 GPa for human cortical bone, this strain corresponds to a maximum habitual
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stress of 32 MPa. The high value of compressive strength (108 MPa) found here for the
350° C heat-treated bone indicates that this material possesses a factor of safety of over
three for these habitual loads. It follows then that this material may be well suited for use in
compressive load bearing applications.

A number of aspects of this study support the validity of our results. First, careful
mechanical testing techniques ensured axial yield rather than buckling failure modes in the
compression tests, thereby providing accurate compressive mechanical properties. For
example, ends of the cylindrical samples were ground and polished in a custom fixture to
ensure parallel ends and complete contact with the loading platens; extensometers were
used to eliminate the effects of compliance in the test system from the strain measurements.
Second, the use of paired samples for mechanical testing in compression increased the
power (l-beta > 0.99 for paired strength comparison) of the modulus and strength
comparisons relative to an unpaired test, justifying the use of relatively small sample sizes.
Third, the quantitative analysis of ultrastructure enabled a statistical comparison rather than
a qualitative one where subtle changes may not be detectable. Lastly, the use of specimens
taken from 22bovine humeri for mechanical testing and 7 human femora for
ultrastructural analysis provides confidence that similar results can be expected for any type
of cortical bone heated to 350° C as described here.

While the results from this study suggest that 350° C heat-treated bone is well
suited for compressive load-bearing applications, some limitations must be recognized.
First, the composition of the organic material that remained in our heat-treated samples is
not known. The presence of this material is unlikely to be problematic in vivo since the
biocompatibility of bone heated to 400° C has been demonstrated previously (66) and we
found a negligible difference in the amount of organic material in 350 vs. 400° C heat-
treated bone. In addition, the absence of most of the organic components should not hinder
biocompatability, since the biocompatability of (completely deorganified) bone heated to
1200° C (79) and pure hydroxyapatite (150, 151) have also been demonstrated. From a
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biomechanical perspective, the presence of this remaining organic material is crucial since it
helps maintain the desirable elastic and compressive strength properties measured for
350° C heat-treated bone as compared to 700° C ashed bone (see Table 3.1). Thus, our
results demonstrate that a small amount of organic material can substantially alter the
mechanical properties of heat-isolated bone mineral. However, while only a small amount
of organic material is required to maintain most of the compressive strength, tensile
strength is much more sensitive to the presence of this material.

A second limitation is that the ultrastructural analysis was performed on fixed
human bone, which may respond differently to heat treatment than non-fixed bone. This
limitation may not be important since structural differences between fixed and non-fixed
bone after heating are likely to be small since fixatives alter only the organic components,
which were mostly removed by heating. A third limitation is that the ultrastructural
properties of bovine bone were not measured. In defense of this, a study of four samples
of heat-treated bovine bone indicated that bovine and human bone ultrastructure were
affected similarly by heat-treatment. A fourth limitation was that the specimen geometry
was different in the intact tensile samples compared to all other groups. This difference was
unavoidable due to the brittle nature of the heat-treated bone in tension and the high tensile
strength of intact bone compared to the cyanoacrylate adhesive. However, no significant
differences were found between the tensile and compressive elastic moduli of either intact
or heat-treated bone, suggesting that the two test methods produce similar results.

There is close agreement between the results presented here and those in the
literature for mechanical properties in tension but not for compression (Table 3.4).
Mechanical properties have not been reported previously for heated bone, but have been
reported for bone deorganified using ethylene diamine (74, 75). While it has been
suggested that this technique damages the mineral phase (46, 152), it does remove more
than 99% of the organic material (60) and yields a contiguous, mechanically intact material

(60, 74, 75). The agreement in tensile properties — both modulus and strength — of
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ethylene diamine and 350° C heat-treated bone (Table 3.4) suggests that these materials are
similar mechanically. The discrepancy in compressive properties is therefore most probably
due to limitations in the previous testing techniques. One possible source of error is the
large aspect ratio used in previous tests, 4:1 (75) and 10:1 (74), which can promote
buckling and therefore lower strengths compared to the 2:1 aspect ratio used here. Since
elastic deformations are due to atomic bonds stretching and rotating, tensile elastic modulus
should be equal to the compressive modulus, unless there is damage in which case
compressive modulus should be higher. The only previous study that measured both tensile
and compressive moduli reported a lower compressive modulus (75), whereas we found
equal moduli. This discrepancy may be due to the inclusion of load frame compliance in
strain measurements combined with deformations due to buckling in the previous study
(74, 75). The consistency in tensile properties, both modulus and strength, across all
previous studies provides evidence that the trends reported in this study do not depend on
anatomic site.

The ultrastructural analyses confirm that heating at 350° C does not significantly
affect the mineral phase of bone. Overall, our ultrastructural analyses agree with previously
published reports on the structure of both heat-treated and intact bone (45, 67, 79, 143,
144). The results from our infrared spectroscopy agree with those found previously for
synthetic apatites (144): carbonate content was slightly reduced by heating at temperatures
of about 350° C and substantially reduced at higher temperatures such as 700° C. The
same trends were seen in x-ray diffraction patterns and they also agree with published
results which showed broad peaks for intact bone (79) and bone heated at 400° C (45) and
sharp peaks for bone heated at temperatures above 600° C (45, 79). The sharp and distinct
peaks observed for 700° C ashed bone indicates that heating at high temperatures (600-
700° C) causes substantial improvements in crystallinity and increases in crystal size. The
similarities in the ultrastructure of intact and 350° C heat-treated bone suggest that 350° C

heat-treated bone should be biocompatible since it closely mimics a material already present

69

[

T

-

PR
- -
-

- =



in the body, but this remains to be confirmed. However, one discrepancy remains. We
found that the 350° C heat treatment removed 84% of the organic material from 1-2 mm
thick specimens, whereas complete removal was reported elsewhere using a
hydroxyproline analysis on 10 mm thick specimens heated to just 300° C (67). This
discrepancy is not easily explained but may be due to inaccuracies in determining the
amount of organic material. Weight analysis, used in this study,' can be biased towards
higher values since we have found that water vapor can contaminate the samples. We used
a control group to minimize this effect. Hydroxyproline analysis may be biased towards
lower values if heating damages or preferentially removes the hydroxyproline.

Assuming that 350° C heat-treated cortical bone is biocompatible and
osteoconductive, successful clinical usage will depend largely on its biomechanical
performance. From this perspective, an ideal load-bearing implant should possess two
characteristics, which depend in part on whether the implant shares load with, i.e. is loaded
in parallel to, the surrounding bone, or, simply transmits load in series with the
surrounding bone. The first characteristic relates to the elastic modulus. For load sharing,
the stresses on the implant and adjacent bone depend on their relative moduli (Figure 3.7).
The modulus of the implant should be matched to that of the bone to avoid both
overloading and stress shielding of the bone, which increase the risk of bone damage and
resorption, respectively. By contrast, for load transmission, the modulus of the implant
needs to be large enough to minimize deformation and maintain stable function (Figure
3.7). The second characteristic relates to strength. Regardless of whether the implant is in a
load sharing or transmission mode, the strength of the implant must be sufficient to
withstand the functional demands. The matched elastic moduli of intact vs. 350° C heat-
treated bone indicates that the latter has the ideal characteristics in terms of its elastic
modulus when used adjacent to cortical bone. Its high modulus compared to trabecular
bone suggests that it may promote resorption if loaded in parallel with trabecular bone, but
would be highly stable if loaded in series (e.g. between host trabecular bone and a
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prosthesis). The high compressive strength of the 350° C heat-treated bone indicates that it
should maintain structural integrity when loaded in vivo in compression. However, it
should be realized that this implant has poor tensile strength, and we have not investigated
its fatigue or shear strengths. While it is possible that these strengths may increase with
biological integration, we recommend that this type of bone substitute be used only for
compressive loading bearing applications and only after sufficient compressive fatigue

strength has been verified.
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Table 3.1. Compressive mechanical properties of intact vs. 350° C heat-treated (paired

samples), and 700° C ashed bovine cortical bone.

Mechanical “Intact Heat-treated Ashed Average %  p-value
Property (n = 10) (n = 10) (n=11) Reduction }

Elastic modulus 16.3+1.9 169 +1.3 — — 0.68*

before treatment

(GPa)

Elastic modulus  16.1 + 1.8 15.7+3.2 1.7%1.1 — 0.68*

after treatment

(GPa)

Yield stress 170 £ 20 108 = 32 7.0+5.9 37 0.00002
(MPa) 17

Yield strain 1.24 £ 0.27 0.77 £0.22 0.51 £ 0.44 38 0.0001
(%) t1

All values are mean * SD.

t Average % reduction is for the 350° C heat-treated bone compared to the intact value and
is reported for significant (p < 0.05) differences only.

171 Yield and ultimate points were coincident.

* All four measures of elastic modulus were compared using a two-factor repeated measure
analysis of variance. The repeated measure factors were treatment status (before vs. after
treatment) and the treatment itself (intact vs. heat-treated). No significant effects were

observed (16.3 + 2.2 mean * SD for all 40 measurements; p = 0.68).
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Table 3.2. Tensile mechanical properties of intact vs. 350° C heat-treated bovine cortical

bone (unpaired samples).

Mechanical Intact Bone  Heat-treated Bone ~ Average %  p-value

Property (n = 8) (n = 18) Reduction

Elastic modulus 16.2 + 3.4 16.3 £ 4.0 — 0.95

(GPa)

Yield Stress 46.8 £ 149 7.50 + 2.70 1% 84 0.0001

(MPa)

Ultimate Stress  79.1 £ 19.2  7.50 £ 2.70 1t 91 0.0004

(MPa) bR

Yield strain 0.26 £ 0.10 0.05 + 0.01 Tt 81 0.00001 :

(%) P

Ultimate Strain  1.20 £ 0.38  0.05 £ 0.01 ¥ 96 0.00006 i

(%)
All values are mean £ SD. -

| Jaai

1 Average % reduction is for the 350° C heat-treated bone compared to the intact value
and is reported for significant (p < 0.05) differences only. All properties were compared -
using an unpaired t-test. P
Tt Yield and ultimate properties were the same for the heat-treated bone due to its brittle e

nature.
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Table 3.3. Structural and compositional data for intact, 350° C heat-treated, and 700° C
ashed human (fixed) cortical bone.

Property Intact Heat-treated Ashed p-value
organic (%) NA 85.6 £ 3.6 100t NA
removed

carbonate (%) 6.3%0.63 541033 28210 < 0.0001
content

B, (25.9°) (° 20) 0.530 £0.098 0.444 £0.038 0.255+0.026 < 0.0001
B, (31.8°) (°20) 1.300£0.108 1.219+0.058 0.368 £0.045 < 0.0001

peak location (o 20) 2596 £0.13  25.82 £ 0.06 25.90 £ 0.04 0.08 =
(25.9°) =
peak location (0 gy 32.101£0.08  32.00 £0.03 31.83 £ 0.05 0.09 o
(31.8°) .
All values are mean t+ SD. .-
T Ashed bone was assumed to be completely deorganified (72, 147, 148). o -
P-values are for one-factor analyses of variance. For all significant differences found .-
with the analysis of variance, the ashed group was significantly different than both intact ’ " ;
and heat-treated bone (p < 0.001, all cases) using a Tukey post-hoc test. Differences -

between intact and heat-treated bone were not significant: carbonate content, p = 0.12;

B, (25.9°),p=0.12; B, (31.8°), p=0.23.
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Table 3.4. Review of average mechanical properties of deorganified bovine cortical bone.

Neither range nor standard deviation values were reported in previous studies.

Author Deorganification Anatomical  Elastic =~ Ultimate
Technique Site Modulus  Strength
(GPa) (MPa)
Compression:
Mack, 1964 (75) ethylene diamine tibia 6.7 47
Sweeney et al., 1965 ethylene diamine femur 7.7 36.9
(74)
Current study heat treatment humerus 15.7 108 ot
Tension: 0
Mack, 1964 (75) ethylene diamine tibia 17.2 5.8 .-
Sweeney et al., 1965 ethylene diamine femur NR 6.8 g
(74) e o
Current study heat treatment humerus 16.3 1.5

NR = not reported.
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Figure 3.1. Schematic of specimen preparation (not to scale) for mechanical testing in
compression (top) and tension (middle) and ultrastructural analysis (bottom), showing the
number of specimens harvested from each bone. Due to the brittle nature of the heat-treated
bone, it was necessary to use different geometries for mechanical testing in tension to

ensure accurate data.
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Figure 3.2. Average percentage of organic material removed from bovine cortical bone by
heating, vs. time. Responses are shown for groups of specimens heated to either 300° C,
350° C or 400° C. Each datum is the average response of six samples. Data were adjusted
for water content using control (50° C) group. For clarity, standard deviation error bars are
shown only for the 350° C group; similar standard deviations were seen in each group.
Based on these data, we chose a protocol for heating at 350° C for two days as the main

treatment for this study.

77



180

Compression ~o
,""i'ntact X
= 1354 -
o 7
2
@ 90+ heat-treated
=
0N 454
0- : : :
0.0 0.5 1.0 1.5 -
Strain (%) "
180 - T
[ Tension
w 135+ -
o
g T X
o 90+ intact .
g ———-__----4 "'-.?.«
» 451 e o
’ o
I/heat-treated e
o4l : : | o
0.0 0.5 1.0 15

Strain (%) '
Figure 3.3. Typical compressive (top) and tensile (bottom) stress-strain curves of intact
(dashed lines) and 350° C heat-treated (solid lines) bone. The fracture point for each
specimen is shown with an “X”. Compression samples shown are for two paired
specimens taken from the same bone; tension samples are for unpaired samples taken from
different bones. In general, elastic moduli were the same for both groups in tension and
compression; the strength of the heat-treated bone was only 37% lower than the strength of

the intact bone in compression, but was 91% lower in tension.
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Figure 3.4. Relationship between the compressive yield strength of 350° C heat-treated vs.
intact bone. The yield point was defined using the 95% secant method (see text). A strong
correlation (p = 0.001) between the two variables indicates that the intact compressive
strength was a good predictor of the heat-treated strength. Due to the brittle nature of the
heat-treated bone and the different geometries used for mechanical testing in tension,

regression analysis between intact and heat-treated tensile strength was not possible.
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Figure 3.5. Typical infrared spectra of intact, 350° C heat-treated, and 700° C ashed bone. 1w
There was no difference between the spectra of the intact vs. heat-treated bone. However
the carbonate bands (1415 cm™) were diminished relative to the phosphate bands (575 cm™)
in the ashed group, indicating that a reduction in the amount of carbonate only occurred

after ashing.
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Figure 3.6. Typical X-ray diffraction spectra of intact, 350° C heat-treated, and 700° C
ashed bone with Lorentzian curve fits superimposed. Compared to the intact group, peak
widths at half-maximum were significantly different in the ashed group only (p < 0.001).
No significant differences in peak centerline locations were found between any groups
(25.9°: p=0.08, 31.8°: p=0.09). These results indicate that heat-treatment at 350° C

had no effect on the size, crystallinity, or lattice spacing of the crystals.
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Figure 3.7. Axial load sharing (left) and transmission (right) configurations illustrated with

parallel and series models where P is the applied axial force, E, and E, are the elastic

moduli of materials 1 and 2, respectively, and o0, and 0, are the corresponding stresses. In

load sharing configurations, more axial force is carried by the stiffer material in proportion
to the ratio of elastic moduli of the two materials. Thus, if an implant is much stiffer than
the adjacent bone, “stress-shielding” the bone will occur, increasing the chances of bone
resorption. Conversely, if the bone is much stiffer than the implant, overloading of the
bone will occur, increasing the chances of bone failure. In a series configuration, the total

applied axial force is carried by each material. Similar concepts apply for bending loads.

82

w



Chapter Four. Species and anatomical site

heterogeneity of bone collagen
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Introduction
Successful treatment of bone diseases that are manifested as a reduction in the

mechanical properties requires understanding the relationship between the mechanical
properties of bone, and how age- and disease-related changes of its constituents affect these
properties. For example, osteogenesis imperfecta, Paget’s disease, osteoporosis, and aging
all adversely affect the mechanical properties of bone (153). Specifically, reductions in
ductility and strength are seen with normal aging (10, 19, 23) and large reductions in
ductility are seen in a murine model of osteogenesis imperfecta (154). It has been suggested
that some of these changes are due to changes in the structure of the underlying collagen
(155, 156) but this has never been investigated.

The mechanical properties of both intact bone and isolated bone collagen have been
well documented (122, 139). Nonetheless, it is difficult to investigate the role of collagen
in the mechanical properties of bone due to the large discrepancies reported for isolated
bone collagen (74, 75, 156-159). The only explanation for these discrepancies so far has
been differences in mechanical testing technique, but since each previous study examined
bone from only one species and anatomical site, it is possible that these differences are due
to species and site-related variations in the weight fraction or microstructure of the collagen.
Additionally, the mechanical properties of bovine and human bone collagen have never
been compared, so the use of a bovine model to investigate age- and disease-related effects
in intact bone and bone collagen has not been substantiated. Thus, an important step in
relating the mechanical properties of isolated bone collagen and intact bone is to explain
these discrepancies in the mechanical properties of bone collagen.

The overall goal of the current experiment was to investigate the heterogeneity of
isolated collagen mechanical properties. If differences in properties are due to the species
and anatomical site of the testing material rather than the testing techniques, this would
suggest that significant differences in either weight fraction or microstructure exist in bone

collagen from different species and anatomical sites, and motivate further study into the
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structure-function relations for bone collagen. The specific objectives were to: 1) compare
the mechanical properties of isolated bone collagen from difference species and anatomical
sites; and 2) assess the adequacy of a bovine model in investigating age- and disease-related
changes in human bone. This experiment constitutes the first part in a series of experiments
aimed at improving the understanding of the role of collagen in the mechanical properties of
bone.

Methods
Uniaxial tension tests were conducted to measure the elastic and failure properties

of demineralized human and bovine cortical bone. Right human femora (n = 17) and tibiae
(n = 15; from the same set of 13 males and four females ranging in age from 49 to 101;
mean £ SD of 70.4 + 15.4 years) were obtained from national tissue banks'. Two more
femora compared to tibiae were used in the experiment since tibiae were not available from
two of the 17 cadavers. Bones were excluded if there was any record of liver, kidney, or
bone diseases, malignancy or cancer, vitamin D deficiency, drug use, Cushing’s disease,
or hypo- or hyper-thyroidism in the donor. Bovine (approximately 2 years old) humeri
(n=8) and tibiaec (n = 10) were obtained from local meat suppliers. One longitudinal
slab was cut from the diaphysis of each bone on a band saw (Figure 4.1). The slabs were
mounted in a custom jig, submerged in isotonic saline and machined to final shape (1.8 x
3.0 x 18 mm gage section) on a computer-controlled mill* such that the specimen was
aligned with the long axis of the bone. One sample was obtained from each bone. Human
humeri and tibiae were harvested from the same individuals but, since only right legs were
used, there was only one sample from each donor in each group. Bovine bones were
received without the epiphyses, therefore identification of the left and right sides was not

possible; thus the bovine specimens were harvested from between four and eight animals

! National Disease Research Interchange, Philadelphia, PA; University of California, Davis School of
medicine, Davis, CA; Anatomical Gift Foundation, Phoeniz, AZ
? LM2000, Light Machines Corp, Manchester, NH.
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for the humeri and a different five to ten animals for the tibia.

After machining, specimens were demineralized by soaking in 05 M
ethylenediamine tetraacetic acid for 4 days with fresh solution every day. The ends of each
specimen were coated with paraffin wax to prevent demineralization in the ends in order to
enhance attachment into the load frame. After mechanical testing, portions of the gage
length of each specimen were ashed at 700° C for 24 hours to verify that the samples had
been completely demineralized.

All specimens were tested in uniaxial tension on a servo-hydraulic load frame® in
displacement control, corresponding to an approximate strain rate of 0.30%/second. The
load history was similar to that used by Bowman et al. (158), consisting of nine pre-
conditioning cycles between zero and approximately 3% strain followed by a large strain
(>25%) to failure. Specimens were attached to the load frame using two-jaw self-centering

chucks with a recess machined into the grip faces to ensure axial alignment of the
specimen. Load was measured with a 1,112 N load cell set to a 556 N range. Strain was
measured with a soft-tissue extensometer* designed to minimize the lateral force that the
extensometer exerted on the specimen. Because the soft-tissue extensometer separated from
the specimens during some of the tests, the displacement measured from the load frame
LVDT was also used to calculate strain (Appendix A). The effective gage length for each
specimen was calculated by dividing the total displacement (measured with the LVDT) by
the strain (measured with the soft-tissue extensometer) in the region that the extensometer
was attached to the specimen. The displacement measured from the LVDT was then divided
by the effective gage length in order to calculate the strain over the entire loading history. In
this method, the strain measured from the LVDT and the soft-tissue extensometer were, by

definition, equal in the initial portion of the stress-strain curve.

3 Mini-bionix 858 MTS Corp., Eden Prarie, MN.
4 Model 632.29¢-30, MTS Corp., Eden Prarie, MN.
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Elastic modulus was measured as the maximum slope, using a least-squares linear
regression over a 1% strain range, of the initial linear region of the stress-strain curve. The
ultimate point was defined at the point of maximum stress. In most cases, the specimens
failed at the ultimate strain and thus the ultimate strain and strain-to-failure were usually
coincident. Accordingly, only ultimate strain was reported (Table 4.2). The strain-to-failure
was defined as the strain at the point where the specimen could no longer bear any load.
Complete demineralization was verified by ashing a small portion of the gage length of each
specimen at 700° C for 24 hours after mechanical testing. Demineralization was determined
to be complete if there was no visible mineral in crucibles after ashing and the weight lost in
each crucible was greater than 99% of the demineralized specimen weight. Eleven of the
original 50 specimens were excluded due to incomplete demineralization (n=3), pulling out
of the grips (n=5), or the presence of vascular channels in the gage length of the specimen
(n=3). A total of 39 specimens were therefore included in the analysis: 10 from human
femora, 13 from human tibiae, 8 from bovine humeri, and 8 from bovine tibia. All
mechanical properties were compared between groups using a one-factor analysis of

variance with a Fisher LSD post-hoc test®.

Results
All specimens exhibited a non-linear toe region followed by a linear region

extending to 8.3% strain, on average (Figure 4.2). All specimens appeared to fail in a
slightly oblique manner either in the gage length or in the fillet region. Closer inspection of
the oblique failure surface revealed a stair-step pattern where layers of fibers created
individual steps with transverse failure surfaces perpendicular to the stair-step (oblique)
direction.

The elastic modulus and ultimate stress of isolated bone collagen varied with both

species and anatomical site (p = 0.02 and p = 0.03, respectively; Table 4.2). In particular,

_ * Systat version 5.2, Systat, Inc., Evanston, IL.

87



ultimate stress was different for the different species (25.5 + 4.7 MPa vs. 18.2 + 4.8
MPa for the bovine and human tibiae, respectively; p = 0.04), and elastic modulus was
different for different bovine anatomical sites (313 + 182 MPa vs. 450 £ 50 MPa for the
humerus and tibia, respectively; p = 0.02). No significant differences were observed
between the two anatomical sites investigated in the human bone, although both elastic
modulus and ultimate stress were approximately 25% higher, on average, in the tibia
compared to the femur (p =0.13 and p =0.27, respectively). Significant differences
were found in elastic modulus between bovine tibia compared to human femur (450 £ 50
MPa vs. 275 £ 94 MPa; p = 0.003), and ultimate stress between bovine tibia compared
to human femur (25.5 £ 4.7 MPa vs. 14.7+4.2 MPa; p = 0.005). No significant
differences were observed between any groups for either ultimate strain or strain-to-failure
or between human femur and human tibia for any mechanical property. Additionally,
ultimate strain and strain-to-failure differed by less than 2% in all cases, so only strain-to-

failure is reported.

Discussion
The findings of this study confirm that the mechanical properties of bone collagen

are heterogeneous among different species and anatomical sites. Furthermore, this variation
is not due to differences in the testing techniques since all the groups in this experiment
were tested using identical methods. The elastic modulus and ultimate stress of bovine tibial
bone collagen were 64% and 73% higher, respectively, than collagen from the humar;
femur. Among the species and anatomical sites tested, the trends were that bovine bone
collagen was stronger and generally more stiff than human bone collagen and that tibial
bone collagen was stiffer and stronger than collagen from other bones from the same
species, suggesting that a bovine model may not be appropriate for studying human bone
collagen. The structure of engineering polymers including chain length and cross-link
density are known to affect the mechanical properties of these materials (160). It is

therefore reasonable to assume that similar parameters are the source of the heterogeneity of
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the mechanical properties of bone collagen. Moreover, relating these structural differences
to differences in the mechanical properties may enhance our understanding of the
mechanical behavior of both healthy and diseased bone tissue.

A number of strengths support the validity of this study. The soft tissue
extensometer used to calibrate the strain measurements was designed to minimize the
transverse force and the deformation of the specimen compared to a clip-on style
extensometer. While this method was different than that used by Bowman et al, both
methods should provide accurate and precise results. Additionally the use of a computer
controlled milling machine provided specimens of consistent geometry and uniform cross-
section along the gage length. This, combined with the large aspect ratio of our specimens,
ensured that there was a uniform stress state in the gage length. Finally, the use of bone
collagen specimens from three anatomical sites and two species and from at least 31 human
cadavers provides generality to our conclusions.

While this study indicates that elastic modulus and ultimate strength of isolated bone
collagen do vary with species and anatomic site, a few limitations must be addressed. Most
importantly, the load frame LVDT was used for strain measurements, so measured strains
may have been lower than local strains around the site of failure. To assess this limitation,
the load frame LVDT was calibrated with a soft-tissue extensometer. Stress-strain curves
generated from LVDT strain data and soft-tissue extensometer data were coincident for all
samples that remained in contact with the extensometer throughout the loading period. This
indicated that our method of calibrating the LVDT using the soft-tissue extensometer was as
accurate as the extensometer itself, but more reliable at large strains where the extensometer
was prone to falling off the specimen. A second limitation was that not all specimens failed
in the gage length. Comparison of the stress-strain curves from samples which failed in the
gage length and in the fillet region showed no qualitative differences. Since this problem
was random rather than specific to one or two of the test groups, its affect, if any, would

be the same across all test groups and therefore would not alter the results that were
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statistically significant. This limitation may have reduced the power of our statistical tests
however, and therefore masked some differences which would have otherwise been
significant such as the 25% difference in the average elastic modulus and ultimate stress of
human tibia vs. human femur. Finally, the use of different anatomical sites in the human
(tibia and femur) and bovine (tibia and humerus) bone prevented the use of a two-factor
ANOVA for statistical analysis. Although this method would have been preferable in order
to separate the effects of species and anatomical site, the one-factor ANOVA did indicate
significant differences among species (bovine tibia vs. human femur) and anatomical site
(bovine tibia vs. bovine humerus).

Our results indicate that there is variation in the mechanical properties of bone
collagen among species and anatomical site. The mechanical properties measured here fall
in the range of those reported previously (Table 4.1). Specifically, The average strain-to-
failure in all groups in this experiment was higher than values reported previously for
human femur (74) and bovine tibia (156) and lower than values reported previously for
bovine femur (159) and bovine humerus (158). Ultimate stress values are similar to those
reported previously for human bone (15 MPa and 18 MPa for human femur and tibia in this
study compared to 17 MPa reported previously for human femur (74)) but range from 25%
to 75% lower than those reported previously for bovine bone. The average elastic modulus
of bovine tibia and humerus were 18% higher and lower, respectively, than the elastic
modulus that Wright et al. measured for the bovine femur. The elastic modulus of human
femur and tibia were about one-third and two-thirds higher than the same tissues tested
previously, although harsh demineralizing agents were used, particularly with the human
tibia, and this may have compromised the tissue. We were unable to reproduce the large
average values of modulus, strength and ultimate strain seen by Bowman et al. (158) and
Burstein et al. (156) for bovine humeral collagen, although some bovine humerus
specimens in this study had modulus and strength values as high as 625 MPa and 45 MPa,
respectively. While the high modulus and strength values reported in the latter study (156)
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may have been caused by the high strain rate (~12%/second) used, Bowman et al. used a
much lower rate (~0.5%/second) and obtained similar results. Thus, discrepancies between
this and previous experiments are most likely due to heterogeneity of bone collagen and not
testing technique. Relating these differences in mechanical properties to structural
differences of bone collagen may enhance our understanding of the mechanical behavior of
both healthy and diseased bone tissue.

The results of this experiment have implications for future research in bone
mechanics. Specifically, the differences observed in bovine and human bone collagen in
this and previous experiments indicate that using a bovine model may not be appropriate for
studying human bone mechanics. Since collagen is thought to play an important role in the
post-yield behavior of bone, the large differences in strain-to-failure reported here and by
Bowman et al. suggest that we must be especially cautious of using a bovine model for
investigating properties like strain-to-failure or toughness. Additionally, if age or disease
related affects are being investigated, the bovine model must be verified since collagen is
thought to play an important role in these processes. Site-specific differences in strain-to-
failure have also been reported for intact human bone (10), thus it seems likely that
differences in the mechanical properties of bone collagen are reflected in the intact bone. If
this is the case, then there is a clear need for understanding the role of age and disease on
the mechanical properties of bone collagen, as it may improve our ability to treat these

conditions.
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Table 4.1. Review of the monotonic tensile mechanical properties of demineralized bone

collagen.
Source Treat- Species, # specimens/ Strain Elastic Ultimate Strain-to-
ment site # bones rate modulus stress failure
(%lsec)  (MPa) (MPa) (%)
Mack HNO  Human 5/5 ~03" 212+19" 7.0%2.0' —
(1964) tibia
Sweeney et dilute  Human 10/1? —  209t75' 17t4.1" 6.7't1.0
al. (1965) HCI femur
Burstein et 0.5 M Bovine 4/1 ~12 750+212 40%3.0 6.1%1.7
al. (1975) HCI tibia
Wright e 02 M Bovine 11/1 ~25 37050 3475 92+1.5
al. (1981) HCI femur
Bowman et 0.5 M Bovine 18/6 ~05 613+113 62+13.1 12.3+0.5
al. (1996) EDTA  humerus
Present 0.5 M Bovine 8/8 03 313+182 21*144 89%*1.2
study EDTA  humerus
Bovine 8/8 03 45050 26*47 84t1.2
tibia
Human 10/10 03 275+94 15+42 8.7%27
femur
Human 13/13 03 351+102 18+4.8 7.8%20.9
tibia

All values are mean + SD.

— indicates that the property was not reported.

¥ Estimates from analysis of Bowman et al. (158) of published data and stress-strain

curves.
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Table 4.2. Mechanical properties of isolated bone collagen from different species and

anatomical sites.

Bovine humerus  Bovine tibia ~ Human femur  Human tibia  p value}

(n=8%) (n=81) (n=1071) (n=131)
Elastic modulus 313+ 182 450 £+ 50 275 £ 94 351 £ 102 0.02
(MPa) (151-625) (378-518) (171-475) (178-489)
Ultimate stress 21.3+14.4 25.5+4.7 14.7 £ 4.2 18.2 £4.8 0.03
(MPa) (7.1-45.2) (12.2-33.5) (9.3-22.4) (8.0-25.2)
Strain-to-failure 89+1.2 84+1.2 8.7+2.7 7.8+0.9 0.42
(%) (7.0-10.4) (6.1-9.6) (6.3-13.7) (6.4-8.9)

All values are mean * SD (Range).

1 In each group, only one sample was produced from each human donor, a maximum of
two samples were produced from each cow.

} P value was calculated using a one-factor ANOVA among all four groups. Fisher’s LSD
post-hoc tests indicated that for elastic modulus: bovine tibia # human femur (p = 0.003)
and bovine tibia # bovine humerus (p = 0.02) and for ultimate stress: bovine

tibia # human femur (p = 0.005) and bovine tibia # human tibia (p = 0.04).
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Figure 4.1. Schematic diagram of specimen harvesting protocol. One slab was cut from the
diaphysis of each bone and then machined into a reduced-section geometry with a gage

section of 1.8 x 3.0 x 18 mm.
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Chapter Five. Cross-linking reduces the ductility of

bone collagen
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Introduction
Since bone is a composite material, variations in its mechanical properties should be

reflected by variations in the amount and structure of its constituents. Understanding the
mechanical properties of bone in relation to its constituents may aid in the design of drug
therapies for osteoporosis and other bone diseases that can target the deficient constituent
directly. Such treatments may be more effective than current treatments which aim to
increase the amount of bone. Additionally, new, non-invasive assays of fracture risk and
bone health that are based on biochemical assays of its constituents may be possible if we
better understand how the mechanical properties of bone relate to the amount, structure,
and biochemistry of its constituents.

Numerous studies of the variation in mechanical properties of bone have explained
some of the variation, especially age-related, in terms of various aspects of the
microstructure of the tissue (10, 17, 19, 161, 162). Changes in porosity, from about 5% at
age 20 to 12% at age 80 in humans, explains most of the variation in strength, but only part
of the variation in fracture energy (17, 19, 162). From a clinical perspective, fracture
energy is important since it determines whether a bone breaks or deforms without
fracturing under falling conditions and other severe loads. The non-elastic part of fracture
energy depends on the strength and the strain-to-failure of the material, both of which
depend on age (10, 19, 23). In a previous experiment, it was demonstrated that there are
site and species differences in the mechanical properties of isolated bone collagen (Chapter
4). Based on these findings, it was suggested, as it has been previously (19, 156), that the
variation in the amount of cross-linking in bone collagen is responsible for differences in
the mechanical properties of bone collagen and, in turn, intact bone. This relationship,
between the amount of collagen cross-linking and mechanical properties, has been
demonstrated for articular cartilage (163). In bone collagen, the strain-to-failure and post-
yield or plastic modulus are thought to be related to the strain-to-failure and elastic modulus

of the underlying collagen, respectively (156). Indeed, the mechanical properties of many
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engineering and some biological polymers are affected by the amount of cross-linking
(160, 163), but this has never been investigated in bone.

Cross-links in bone collagen can be divided into two types: enzymatic and
nonenzymatic. The amount of enzymatic cross-links (hydroxlysine, lysylpyridinoline and
hydroxylysylpyridinoline) does not change in bone collagen after skeletal maturity has been
reached (20). Therefore, any age-related changes in the amount of cross-linking in bone
collagen must be due to changes in the amount of nonenzymatic cross-links. Age-related
changes in the level of pentosidine, the most abundant nonenzymatic cross-link, have not
yet been examined in bone. From approximately age 20 to age 80 however, pentosidine
levels increase by a factor of between four and six in both human articular cartilage (163,
164) and human dura mater (165). Furthermore, in vitro changes in pentosidine levels
significantly altered the mechanical properties of human articular cartilage (163). Thus, if
they exist, age-related changes in the pentosidine levels of bone collagen may also affect the
mechanical properties of isolated bone collagen and intact bone.

The overall goal of the current experiment was to determine the effects of
pentosidine cross-linking on the mechanical properties of isolated bone collagen. This is the
second in a series of three experiments designed to relate the mechanical properties of bone
to the microstructure of the constituents. The specific hypotheses for this experiment were
that: a) the pentosidine level (i.e. cross-link density) in human bone collagen increases with
age; b) the ultimate strain of isolated bone collagen decreases with increasing cross-link
density; and c) the elastic modulus of isolated bone collagen increases with increasing
cross-link density. To test these hypotheses we measured the pentosidine levels in isolated
human cortical bone collagen from 14 cadavers aged 49 to 101 and compared the
mechanical properties of untreated and cross-link enhanced collagen from the same

individuals.
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Methods
The level of pentosidine cross-linking in isolated bone collagen was measured using

reversed-phase high performance liquid chromatography (RP-HPLC). Uniaxial tension
tests were conducted to measure the elastic and failure properties of demineralized human
femoral cortical bone with and without a cross-link enhancing ribose treatment. Right
human femora (from eleven males and three females ranging in age from 49 to 101;
mean + SD of 69 + 16 years) were obtained from national tissue banks.' Bones were
excluded if there was any record of liver, kidney, or bone diseases, malignancy or cancer,
vitamin D deficiency, drug use, Cushing’s disease, or hypo- or hyper-thyroidism in the
donor.

Specimen preparation was identical to that described previously (Chapter 4).
Briefly, between six and twelve slabs were cut from the diaphysis of each bone on a band
saw and machined on a computer controlled mill (1.8 x 3.0 x 18 mm gage section). Two
specimens were randomly selected from each bone to allow paired statistical analysis
between untreated vs. cross-link enhanced specimens. Specimens were demineralized by
soaking in 0.5 M ethylenediamine tetraacetic acid for 4 days with fresh solution every day.
Demineralization was verified by ashing small portions of the gage length of each sample
after mechanical testing.

A ribose treatment was used to increase the amount of pentosidine cross-links and
model age-related increases in pentosidine levels. This was necessary due to the old
average age (69 years) of the cadavers used in this study. Ribose treatment has been
successfully used to increase the collagen cross-link density in cartilage (163). One sample
from each pair was randomly selected and assigned to the treatment group. Ribose treated

samples were incubated at 30° C for 48 hours in 0.4 M ribose in phosphate buffered saline

! National Disease Research Interchange, Philadelphia, PA; University of California, Davis School of
medicine, Davis, CA; Anatomical Gift Foundation, Phoeniz, AZ
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(pH 7.4) containing 0.01% sodium azide in order to increase the number of pentosidine
cross-links. The control group was treated in a similar solution without ribose. Following
treatment, all samples were rinsed with phosphate buffered saline and reduced with
sodiumborohydride (90 minutes at room temperature) to terminate the non-enzymatic
glycation reaction. Reduction was then terminated by addition of acetic acid to pH 4.0.
Finally, the samples were rinsed with phosphate buffered saline again.

All specimens were mechanically tested in uniaxial tension as described in Chapter
4. Specimens were loaded for nine pre-conditioning cycles from zero to approximately 3%
strain and then loaded to failure, all at approximately 0.3%/second. Strain was measured
with a soft-tissue extensometer” and the load frame LVDT using the effective gage length
technique described previously (Chapter 4). Elastic modulus, ultimate stress and strain, and
strain-to-failure were measured as described previously (Chapter 4). Since strain-to-failure
was always coincident with or differed from the ultimate strain by less than 2%, only
ultimate strain was reported. Mechanical properties were compared between cross-link
enhanced treated vs. control groups using two-tailed paired Student’s t-tests’. Paired
analysis was selected since each pair of samples was machined from the same bone and
only one pair was machined from each cadaver.

After mechanical testing, a small section was removed from the gage length of each
sample for reversed-phase high performance liquid chromatography as described elsewhere
(163, 166) in order to measure the level of pentosidine cross-links in both control and
ribose treated samples. The analysis was performed in a 150 mm x 4.6 mm column;* the
elution conditions were: time 17-30 min 0.05% (v/v) heptafluorobutyric acid in 40% (v/v)

methanol. Fluorescence was monitored at 328/378 nm using a programmable fluorimeter.®

? Model 632.29¢-30, MTS Corp., Eden Prarie, MN.

3 Systat version 5.2, Systat, Inc., Evanston, IL.

4 Micropak ODS-80TM, Varian, Inc., Palo Alto, CA.
5 Model 821-FP, JASCO, Inc., Easton, MD.
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The age-related variation in the number of pentosidine cross-links per mole of collagen
molecules was determined using least-squares linear regression analysis.

Complete demineralization was confirmed by ashing a small portion of the gage
length of each specimen at 700° C for 24 hours after mechanical testing. Demineralization
was determined to be complete if there was no visible mineral in crucibles after ashing and
the weight lost in each crucible was greater than 99% of the demineralized specimen
weight. Seven specimens were excluded from the analyses because of incomplete
demineralization (n=2) or because the demineralized specimen tore in the grip region (n=5).
Since the statistical design for the comparison of mechanical properties required paired
samples, a total of 14 specimens were excluded from this analysis, leaving seven
specimens in each group. Four of the seven excluded specimens were in the control group,
thus ten specimens (ranging in age from 49 to 84 years) were included in the linear

regression of pentosidine level vs. age.

Results
Pentosidine cross-link density increased from 3.5 mmol/mol collagen near age 50 to

8.6 mmol/mol collagen for individuals over age 80 (Figure 5.1). The age-related increase
was 1.3 mmol/mol collagen per decade of life (r* = 0.55; p = 0.015). Ribose treatment
increased pentosidine density, on average, by a factor of two, from 6.2 mmol/mol collagen
in untreated samples to 12.2 mmol/mol collagen (p =0.003), thus mimicking
approximately 45 years of aging.

All untreated specimens exhibited an initial non-linear toe region followed by a
linear region extending to failure (Figure 5.2); cross-link enhanced specimens had
qualitatively similar stress-strain curves (Figure 5.2). As expected, demineralized human
bone became less ductile after the cross-link enhancing treatment (Table 5.1). The ultimate
strain of the demineralized bone decreased 13% on average from 8.4 + 1.3% strain to
7.3+1.5% (p=0.038) in ribose treated samples compared to untreated controls. There

was no significant change in the elastic modulus of ribose treated samples compared to the
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control samples but there was a suggestive trend; the average elastic modulus of
demineralized bone decreased 17%, from 294 + 103 MPa to 245 + 82 MPa (p = 0.149)
in ribose treated samples compared to untreated controls. Ultimate stress was affected
similarly to ultimate strain, being reduced by an average of 19%, from 15.1 £ 5.1 MPato
12.2+ 3.0 MPa (p =0.103).

Ultimate strain did not vary with either age or pentosidine level in the control group
(p =0.33, Appendix B; and p = 0.55, Appendix C, respectively), despite the highly
significant difference found between controls and paired ribose treated samples.
Regressions between modulus vs. age and pentosidine level and between ultimate stress

vs. age and pentosidine level were significant at the p = 0.05 level (Appendices B and C).

Discussion
The results of this study indicate that pentosidine cross-link density increases with

increasing age and that the mechanical properties of human bone collagen are significantly
altered by changes in the pentosidine cross-link density. Furthermore, ribose treatment
provided a good model of aging of bone collagen, as the treatment mimicked 45 years of
aging. Since the ductility of bone is thought to be due to the collagen component (156,
167), these findings provide strong evidence that an increase in the pentosidine cross-link
density of collagen will decrease the ductility of mineralized bone. This suggests that the
bones of older individuals, which have a higher cross-link density compared to bones of
younger individuals, are more likely to fracture under falling conditions compared to bones
from younger individual with similar bone mass and structure.

In this experiment, specimens were harvested in a paired fashion, i.e. only two
specimens were used from each bone. The use of paired samples increased the power of
the comparisons relative to an unpaired test, enabling use of a small sample size to show
significant differences between the ribose enhanced and untreated groups. Larger sample
sizes may have indicated a significant difference in the elastic modulus, but significant

differences were observed in other properties indicating that ribose treatment did have a
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statistically significant effect on some of the mechanical properties of demineralized bone.
Additionally, specimens were harvested from seven cadavers, indicating that the effects
were not due to abnormalities in bone tissue from one or two donors.

Another limitation of the small samples sizes used in this experiment is that an in
vitro cross-link enhancement was required in order to relate ductility to pentosidine level.
Although linear regressions of the mechanical properties vs. pentosidine level of the
untreated samples was used to comrelate natural pentosidine levels and mechanical
properties (Appendix C), a significant relationship was not observed between strain-to-
failure and pentosidine level. However, linear regressions for elastic modulus and ultimate
strength vs. pentosidine and age were significant. Power analysis revealed that 81 samples
would be required to show a significant relationship between strain-to-failure and
pentosidine level over the range tested here. This sample size could be reduced by
increasing the age range (and thus pentosidine level range) of the cadavers used. Another
disadvantage to using naturally occurring variations in pentosidine level is that other age-
related factors may confound the results. The method used in this study employed paired
samples and a treatment which mimicked aging in order to isolate the role of pentosidine on
the ductility of bone from other confounding factors.

Another limitation of this study is that pentosidine cross-link density in young
(below age 49) individuals was not measured. While this information is essential in
mapping the pentosidine cross-link density though adult life, a significant age-related affect
was observed. The 2.5-fold increase seen in approximately 30 years (from age 50 to age
80) is comparable to the four-to-five-fold increase seen in articular cartilage (163, 164) and
dura mater (165) over 60 years (from age 20 to age 80) on a per decade basis. The
similarities of the age-related changes in the pentosidine level among different tissues
suggests that aging affects many collagenous tissues similarly via increased pentosidine

cross-link density.
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The results of this experiment have implications in both the research and clinical
arenas. The role of pentosidine in the ductility of isolated bone collagen has been
demonstrated, but this remains to be shown for intact bone. Furthermore, additional work
is required to determine the levels of pentosidine in bone collagen in individuals younger
than 49 years, and how these (presumably) lower levels of pentosidine affect ductility.
Clinically, these results suggest that the ductility of bone may be increased, or at least

maintained, by controlling the level of pentosidine cross-links in collagen.
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Table 5.1. Tensile mechanical properties and pentosidine cross-link density of untreated

and cross-link enhanced demineralized human femoral cortical bone specimens (paired

samples; n = 7 per group).

Control Cross-link Average  pvalue i

(Untreated) Enhanced % Change

Pentosidine cross-links 6.2 2.7 12.2 £ 4.1 +97 0.003

(mmol/mol collagen) (3.0-9.5) (7.0-17.3)

Elastic Modulus (MPa) 294 + 104 245 *+ 82 -17 0.149
(184-475) (169-396)

Ultimate Stress (MPa) 15.1 £5.1 12.2 £ 3.0 -19 0.103
(8.7-22.4) (7.6-16.9)

Strain-to-failure (%) 841t1.3 7.3%x1.5 -13 0.020
(6.4-10.1) (5.1-9.2)

All values are mean + SD (range).

T Average % change is for cross-link enhanced compared to the untreated controls.

t p values were calculated using a paired sample Student’s t-test.
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Figure 5.1. Pentosidine cross-link density of untreated and cross-link enhanced
demineralized human femoral cortical bone. Ribose treatment increased cross-link density
by a factor of two, on average. This increase is similar to that seen in untreated bone
between age 50 to age 85. The best-fit lines were determined using least squares linear
regressions; both regressions were statistically significant (p = 0.015 for control group

and p = 0.005 for cross-link enhanced).

106



w© 151 Control
o

= A

% 10-- ,

@ Cross-link enhanced
P

n sl

Strain (%)

Figure 5.2. Typical tensile stress-strain curves of untreated and cross-link enhanced
demineralized human femoral cortical bone. Only strain-to-failure was significantly

different between the two groups (paired t-test: p = 0.020).
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Chapter Six. Collagen cross-linking reduces the

ductility of bone
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Introduction
A reduction in the ductility of bone is an important consequence of aging and

disease. Bone tissue with low ductility is less capable of absorbing energy from falls and
other severe loads and thus is more prone to fracture compared to younger, more ductile
bone. For example, the prevalence of vertebral fractures is more than 55% in women over
90 years old, but only 6% in women aged 50-54 years (168). Since bone is a composite
material, variations in its mechanical properties should be reflected by variations in the
amount and structure of its constituents. Understanding this relationship may improve our
ability to design drugs that can target deficient constituents directly and have a
complementary effect to current treatments which aim to increase bone mass. Additionally,
new, non-invasive diagnostic assays of fracture risk and bone health may be possible if we
better understand how the mechanical properties of bone relate to the structure of the
constituents.

From a biomechanical perspective, the ductility of bone is important since it
determines whether a bone breaks or deforms without fracturing under severe loads. In
previous experiments, it has been shown that the amount of pentosidine cross-linking
increases with age in isolated human bone collagen and that this increase reduces the
ductility of the collagen (Chapter 5). Based on these findings, we suggested, as have others
(19), that age-related increases in the amount of cross-linking in bone collagen is
responsible for differences in the ductility of bone. This relationship, between cross-link
density and mechanical properties, has been demonstrated in other collagenous tissues
(163, 169) but not in intact bone. For example, ultimate strain decreased while the relative
amount of insoluble (or highly cross-linked) collagen increased with age in the skin, tendon
and aorta, of 2-year-old rats compared to 4-month and 1-year-old controls (169), and
instantaneous deformation, which is inversely related to material stiffness, was reduced in

human articular cartilage by increasing the level of pentosidine cross-linking (163). Since
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bone is more than 25% collagen (by volume) it is likely that this relationship, between
cross-link density and ductility also exists for bone tissue.

The overall goal of the current experiment was to describe the age-related changes
in pentosidine cross-link levels in human cortical bone and determine the effect of these
cross-links on its ductility. This was the final experiment in a series of three designed to
relate the mechanical properties of bone to the microstructure of its constituents. The
specific hypotheses for this experiment were that: a) pentosidine levels in human bone
increase with age, and b) ductility of bone decreases with increasing pentosidine cross-link
density. To test these hypotheses we measured pentosidine levels in femoral cortical bone
from 16 cadavers aged 49 to 101 years and compared the mechanical properties of

untreated and cross-link enhanced bone from the same individuals.

Methods
The level of pentosidine cross-linking in human femoral bone was measured using

reversed-phase high performance liquid chromatography. Tension tests were conducted to
measure the elastic and failure properties of human femoral cortical bone with and without a
cross-link enhancing ribose treatment. Right human femora (from 13 males and three
females ranging in age from 49 to 101 years; mean+ SD of 72 + 15 years) were
obtained from national tissue banks'. Bones were excluded if there was any record of liver,
kidney, or bone diseases, malignancy or cancer, vitamin D deficiency, drug use, Cushing’s
disease, or hypo- or hyper-thyroidism in the donor. Specimen preparation was identical to
that described previously (Chapters 4 and 5). Two samples were obtained from each bone

to allow paired statistical analysis.

! National Disease Research Interchange, Philadelphia, PA; University of California, Davis School of
medicine, Davis, CA; Anatomical Gift Foundation, Phoeniz, AZ
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A ribose treatment was used to increase the amount of pentosidine cross-links in
cortical bone. This treatment has been successfully used to increase the collagen cross-link
density in human articular cartilage (163) and in isolated bone collagen (Chapter 5). One
sample from each pair was randomly selected and assigned to the treatment group. Ribose
treated samples were incubated at 30°C for ten days in 0.4 M ribose in phosphate buffered
saline (pH 7.4) containing 0.01% sodium azide. The control group was treated in a similar
solution without ribose. Following treatment, all samples were rinsed with phosphate
buffered saline and reduced with sodiumborohydride to terminate the non-enzymatic
glycation reaction. Reduction was then terminated by addition of acetic acid to pH 4.0.
Finally, samples were rinsed with phosphate buffered saline again.

All specimens were tested in uniaxial tension on a servo-hydraulic load frame? in
displacement control, corresponding to an approximate strain rate of 0.1%/second.
Specimens were attached to the load frame actuator using a two-jaw self-centering chuck
with a recess machined into the grip faces to ensure axial alignment of the specimen. The
specimen was attached to the fixed part of the load frame with a custom grip fixture
designed to eliminate bending in the sample. The grip consisted of a small aluminum
cylinder with a dovetail shaped channel cut at the top. To attach the specimens into the
custom grip the open ends of the channel were covered with adhesive tape and then the
channel was filled with uncured polymethylmethacrylate cement. The specimen was then
lowered into the cement and left in place for approximately 15 minutes in order for the
cement to cure before mechanical testing. The gage length of each specimen was wrapped
in saline soaked gauze during the entire mounting and curing process, which lasted
approximately 20 minutes. Load was measured with a 1,112 N load cell. Strain was
measured with a 5 mm gage length miniature extensometer® attached to the middle of the

specimen gage length using spring clips.

? Mini-bionix 858 MTS Corp., Eden Prarie, MN.
3 Model 632.29f-30, MTS Corp., Eden Prarie, MN.
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Elastic modulus was measured as the maximum slope, measured with a least-
squares linear regression over a 0.15% strain range, in the linear region of the stress-strain
curve. The yield point was defined as the intersection of the 95% secant line and the stress-
strain curve. The 95% secant line is created by plotting a line through the origin with a
slope equal to 95% of the elastic modulus of the specimen. The post-yield modulus was
defined as the average slope of the stress-strain curve after the knee in the stress strain
curve. The ultimate point was defined at the point of maximum stress. The strain-to-failure
was defined as the strain at the point where the specimen could no longer bear any load. In
all cases the ultimate strain and strain-to-failure were either coincident or differed by less
than 2% and thus only strain-to-failure is reported. The post-yield strain was defined as the
strain-to-failure minus the yield strain. All mechanical properties were compared between
groups using paired Student’s t-tests®.

After mechanical testing, a small section was removed from the gage length of each
sample for reversed-phase high performance liquid chromatography as described elsewhere
(163, 166) in order to measure the level of pentosidine cross-links in both control and
ribose treated samples. The analysis was performed in a 150 mm x 4.6 mm column;’ the
elution conditions were: time 17-30 min 0.05% (v/v) heptafluorobutyric acid in 40% (v/v)
methanol. Fluorescence was monitored at 328/378 nm using a programmable fluorimeter.®
The age-related variation in the number of pentosidine cross-links per mole of collagen
molecules was determined using least-squares linear regression analysis.

Complete demineralization was confirmed by ashing a small portion of the gage
length of each specimen at 700° C for 24 hours after mechanical testing. Demineralization
was determined to be complete if there was no visible mineral in the crucibles after ashing
and the weight lost in each crucible was greater than 99% of the demineralized specimen

weight. Two specimens were not completely demineralized and thus excluded from the

4 Systat version 5.2, Systat, Inc., Evanston, IL.
$ Micropak ODS-80TM, Varian, Inc., Palo Alto, CA.
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analysis. An additional three specimens were excluded from the analyses because of the
polymethylmethacrylate grip failed during the test. Since the statistical design for the
comparison of mechanical properties between treated and untreated samples required paired
samples, a total of eight’ specimens were excluded from this analysis, leaving nine
specimens in each group. Four of the five excluded specimens were in the control group,
thus 12 specimens (ranging in age from 49 to 85 years) were included in the linear

regression of pentosidine level vs. age.

Results
The amount of pentosidine cross-linking in human cortical bone increased by

approximately 65%, from an average of 4.3 mmol/mol collagen in the three youngest
cadavers investigated (aged 49, 49 and 51 years) to an average of 7.1 mmol/mol collagen in
the three oldest individuals (aged 83, 84 and 85 years). Linear regression analysis revealed
that pentosidine levels increased nearly 1 mmol/mol collagen per decade of life in the
untreated .samples (r*=0.53; p=0.008; Figure 6.1). The ribose treatment increased
pentosidine cross-linking five-fold, on average (31 £ 7 mmol/mol collagen for ribose
treated vs. 6 £ 2 mmol/mol collagen for untreated controls; p < 0.0001; Table 6.1). The
linear regression between pentosidine level and age predicts a similar five-fold increase in
pentosidine level from age 20 to age 80, when extrapolated back to the younger age. Thus
the ribose treatment mimicked approximately 60 years of aging. Pentosidine cross-linking
was not related to age in the cross-link enhanced group (Figure 6.1), and thus the relative
increase between untreated controls and treated samples was greater in specimens from
younger individuals compared to older ones.

The five-fold increase in pentosidine cross-link density was reflected by reduced

ductility of bone. Strain-to-failure, a measure of the total deformation of a specimen,

§ Model 821-FP, JASCO, Inc., Easton, MD.
" Eight, rather than ten specimens were excluded in total since two of the excluded specimens were from a
matched pair, i.e. the same donor.
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decreased 28%, on average, in the cross-link enhanced group compared to untreated
controls (1.63 £ 0.54% vs. 1.18 £ 0.63%; p = 0.026; Table 6.1). Ultimate strain is not
reported since strain-to-failure and ultimate strain differed by less than 2% for all
specimens. Post-yield strain, a more refined measure of ductility, decreased 38%, on
average, in cross-link enhanced specimens compared to untreated controls (1.23 + 0.54%
vs. 0.76 £ 0.60%; p =0.015; Table 6.1).

All intact specimens exhibited an initial linear region followed by yield region and
then a second linear region with a much lower slope than the first (Figure 6.2). All cross-
link enhanced had similar linear and yield regions but only five out of nine displayed a
second linear region (Figure 6.2). The other four samples failed after the initial linear
region. Qualitative differences in the behavior of cross-link enhanced specimens could not
be explained by age or gender differences. All specimens failed in the gage length.

Mechanical properties besides ductility were not significantly altered by increases in
the collagen cross-link density (Table 6.1). Elastic modulus, yields stress and strain, and
post-yield modulus were not different in cross-link enhanced samples compared to
untreated controls (p > 0.65 for these properties; Table 6.1). Ultimate stress tended to
reduce by 6% on average; this result was not significant (p = 0.082) and was due to the
loss of post-yield strength since yield strengths in both groups were equal (66.8 £ 7.7 vs.
67.0 £ 11.0; p= 0.97; Table 6.1).

Discussion
The results of this study demonstrate that pentosidine levels in human cortical bone

increase with age and furthermore, that the ductility of human cortical bone is substantially
reduced by increases in the amount of pentosidine cross-links. The reduction in ductility
with increased pentosidine level parallels that seen in isolated bone collagen (Chapter 5).
No other mechanical properties of cortical bone were significantly affected by our cross-
link enhancing treatment. In a previous study, it was demonstrated that the elastic modulus

was not altered by removing 85% of the organic material but the strength was reduced by
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35% in compression and 95% in tension (Chapter 3). Combined, these results, suggest that
the role of collagen in the mechanical properties of bone is twofold: First, collagen is
responsible for the ductility of bone, if the ductility of the collagen is reduced, by
increasing the cross-link density, for example, bone ductility will also be compromised.
Second, collagen toughens the hydroxyapatite, allowing it to attain higher strengths than it
is capable of alone. Thus, the role of collagen is more important in tensile loading since: 1)
intact bone is not ductile in compression (Chapter 3) so increasing collagen cross-links will
probably have no further affect on ductility; and 2) isolated hydroxyapatite maintains 63%
of the strength of intact bone in compression but only 9% in tension (Chapter 3).

The statistical design and testing technique support the validity of this study. The
custom designed grip fixture eliminated bending in the samples. This is important since
bending can lead to errors in the strain measurements as large as 20% when using
traditional gripping techniques. The use of paired samples increased the power of the
comparisons relative to an unpaired test, justifying the use of relatively small sample sizes.
Additionally the use of a computer controlled milling machine provided specimens of
consistent geometry and uniform cross-section along the specimen’s gage length. This,
combined with the large aspect ratio of the specimens, ensured that there was a uniform
stress state in the gage length. Finally, the use of bone specimens from nine different
donors provides a degree of generality to the conclusions.

While this study indicates that the ductility of cortical bone is reduced by increases
in the pentosidine cross-link density, a few limitations must be addressed. First, the cross-
link density in the samples used in this experiment was artificially increased by a factor of
five and thus is higher than physiological levels. Although the in vitro increase in
pentosidine level was higher than that observed physiologically in an absolute sense, the
relative increase is similar to what might be expected in vivo. Using the linear regression
between pentosidine level and age to estimate the average level in a 20 year old population

predicts approximately 1.5 mmol/mol collagen. This is nearly five times less than the levels
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observed in the three oldest individuals in this experiment (7.1 mmol/mol collagen; average
age 84 years), thus the five-fold increase is appropriate in order to demonstrate the effect of
increasing pentosidine levels over a larger age range. Now that this relationship has been
demonstrated, more extensive studies on age-related changed are justified. Specifically, the
level of pentosidine cross-linking in young individuals must be investigated.

A second limitation is that the number of specimens included in the statistical
analysis was small, but significant differences in ductility were observed nonetheless. Even
though larger samples sizes may have indicated significant differences in the ultimate
stress, this difference is small (6%) and probably not important compared to the 28%
reduction in strain-to-failure and the 38% reduction in post-yield strain. Third, although all
specimens failed within the gage length not all specimens failed between the extensometer
knife edges. However, comparison of the stress-strain curves from samples which did and
did not fail between the knife edges showed no qualitative differences. Since this problem
was random rather than specific to one of the test groups, its affect, if any, would be the
same for both test groups and therefore not affect the statistical comparisons.

Linear regression analysis of pentosidine level vs. age suggests that there is a five-
fold increase in pentosidine level between the ages of 20 and 85 years. This agrees well
with the increases observed in isolated bone collagen (Chapter 5), human articular cartilage
(163, 164), and human dura mater (165) on a per decade basis. Pentosidine levels were
also increased by a factor of five in the treatment group of this study, which suggests that
the change in ductility that we observed, is similar to what can be expected through adult
life.

These results demonstrate that increasing the collagen cross-link density reduces the
ductility of bone. Changes in collagen cross-linking may therefore explain age-related
changes in the mechanical properties of bone. For example, other authors have measured a
5.1% (23) and 9% (19) drop in ultimate strain per decade of life in fresh human femora and

a 6.8% per decade drop for fresh human tibia (23), so our cross-link enhancing treatment
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corresponds to between 30 and 55 years of aging. The mechanical properties measured in
this experiment agree very well with data from the 60-80 year-old population in the latter
study (19) although the age-related changes observed previously (19, 23) were not seen
here in the untreated control group, due to the relatively low sample size (Appendix B).
Additionally, ultimate strain was 26% lower in embalmed cortical bone from older (average
age 71 years) compared to younger (average age 42 years) men (10). This is very close to
the 28% reduction we observed with a fivefold increased in pentosidine cross-link density
for nine individuals (average age 72 years).While the bone used in that experiment was
fixed, a recent study has demonstrated that strain-to-failure is not affected by fixation (170)
thus similar age-related differences can be expected in fresh (i.e. not fixed) bone.

The results of this study have substantial clinical implications. Most importantly,
the reduction in bone ductility that occurred with an increase in collagen cross-link density
suggests that decreasing bone collagen cross-link density may reduce the risk of fracture. It
is reasonable to assume that the reduction in ductility observed for human cortical bone will
also occur in human trabecular bone if the pentosidine cross-link density is increased. If
this is true, then the ductility of whole bones will be compromised. That is, increased
cross-linking will make bones less tough (without necessarily losing any strength) and
therefore less able to absorb energy during falls or other severe loading configurations.
Thus drugs which can reduce or prevent age-related increases in the amount of pentosidine
cross-linking in bone are potential complements or alternatives for current therapies which
target osteoporosis and other bone diseases. Collagen is present in many tissues including
skin, cartilage, tendon and ligament however, and it is unclear what other effects reducing
collagen cross-link density might have on these tissues. Thus, further investigation into the
role of cross-linking in other collagenous tissues is required before any specific drug
treatments can be suggested. In addition to new drug therapies, the current results suggest

possible methods to assay fracture risk. Specifically, biochemical assays of the pentosidine
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Table 6.1. Mechanical properties of untreated and cross-link enhanced human femoral

cortical bone (paired samples; n = 9 per group).

Control Cross-link  Average % p value §
(Untreated) Enhanced Change t7
Pentosidine cross-links 6 £2 317 509 < 0.001
(mmol/mol collagen) 4-9) (23-42)
Elastic Modulus (GPa) 177t 1.5 174 £ 2.0 -2 0.65
(14.6-19.4) (13.3-20.6)
Yield Stress (MPa) 66.8 + 7.7 67.0x11.0 0 0.97
(49.8-75.8) (44.3-77.4)
Yield Strain (%) 0.41 £0.03 0.42+£0.06 +2 0.69
(0.35-0.44) (0.28-0.47)
Post-yield Modulus ¥ 714 % 207 735 £ 320 +3 0.82
(MPa) (429993)  (429-1183)
Ultimate Stress (MPa) 95.0t 5.6 89.3+12.4 -6 0.082
(86.0-102.9) (67.2-109.4)
Strain-to-failure (%) 1.63+£0.54 1.18+0.63 -28 0.026
(0.96-2.5) (0.52-2.4)
Post-Yield Strain (%) 1.23+0.54 0.76 £ 0.60 -38 0.015
(0.56-2.2) (0.17-2.0)

All values are mean * SD (range).

T For post-yield modulus comparison n =5 per group since four cross-link enhanced

specimens did not display any post-yield region in their stress-strain curves.

t1 Average % change is for cross-link enhanced compared to untreated.

% p values were calculates using a paired Student’s t-test.
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Figure 6.1. Pentosidine cross-link density of untreated and cross-link enhanced human
femoral cortical bone. Ribose treatment increased cross-link density by a factor of five, on
average. The regression equation was statistically significant (p = 0.008) for the control

group but not for the cross-link enhanced group (p = 0.59).
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Figure 6.2. Typical tensile stress-strain curves of untreated and cross-link enhanced human
cortical bone. Two typical stress-strain curves are shown for cross-link enhanced bone.
Four out of nine cross-link enhanced samples failed without any post-yield region, the
other five were qualitatively similar to the untreated controls but failed at lower strains.
Differences in qualitative behavior of cross-link enhanced specimens could not be explained
by age or gender differences. Ultimate strain was significantly lower in the cross-link
enhanced group compared to the untreated control group (paired t-test: p = 0.026). Curves

are offset from the origin along the strain axis for clarity.
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Chapter Seven. A microstructure-based

continuum damage model for cortical bone
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Introduction

There are two specific motivations for creating models of bone: first, models can be
used to predict the mechanical properties of bone in situations which are difficult or
impossible to create or control experimentally. For example, microstructural parameters such
as porosity and osteon size can be more thoroughly investigated with a model compared to
an experimental approach since they can be varied independently in a model. A second
motivation for creating models of bone is to solve inverse problems. In this case, the
objective is to determine the mechanical properties of microstructural components, like
osteons, using a model which incorporates the microstructure and accurately predicts the
mechanical response of bone at a higher hierarchical level. More specifically, an estimate of
the mechanical properties of osteons, which are input parameters in the model, can be made
by adjusting the input parameters until the output—the mechanical properties of bone—
match experimentally observed values.

A better understanding of the relationship between the microstructure and the
mechanical properties of bone may lead to drugs which are targeted directly at the deficient
constituent. This approach—improving the quality of the existing bone—would complement
current drug treatments which attempt to increase whole bone strength by increasing or
maintaining bone mass. Additionally, this information may help to develop drugs which can
prevent degenerative changes before they occur. Fracture risk prediction may also be
improved with such a model by the possible discovery of important biochemical markers of
the microstructure and thus the mechanical properties of bone.

Previous models of cortical bone can be divided into two broad groups: elastic
models and post-yield models. Models in the first group were based on theories proposed
by Voight, Reuss, and Hashin and Shtrikman (171) and provided broad limits for elastic
modulus when applied to bone (167, 172-175). Unfortunately, the wide bounds did not

offer much physical insight into the micromechanics of bone. More recent models of the
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elastic behavior have employed homogenization theory and finite element models to predict
the elastic properties of cortical bone with more accuracy but have not addressed the post-
yield response (176-178). The second group of models aims to describe either the complete
stress-strain response of cortical bone or use the experimentally determined stress-strain
response in order to model and predict damage in the tissue. Within this group, some
authors have included the time-dependent response in their models. The simplest time-
dependent model, a visco-plastic rheological model (179), displayed the elastic-strain
hardening response seen for cortical bone in tension, but there was no microstructural basis
for the individual elements of the model. Later models described the mechanical response of
the tissue accurately, but did not incorporate bone anatomy explicitly (158) (156, 180).
Fondrk (180) presented a strong argument that both the observed mechanical behavior and
his theoretical model could be explained by an array of parallel penny shaped cracks in the
tissue, but there has been no experimental work to confirm this. Although the cracks do
provide a physical basis for Fondrk’s continuum damage model, the origin and size scale of
the cracks was not specified.

Two authors have developed continuum damage models which are rooted in a
physical phenomenon: osteons debonding from the interstitial matrix (181, 182). Courtney,
like Fondrk, developed a model to predict the amount of mechanical damage (quantified by
modulus reduction upon reloading) induced by loading to various strain levels. The
monotonic stress-strain response of bone was not modeled in either case. This leaves only
one model which is rooted in a physical damage phenomenon and attempts to model the
stress-strain response of cortical bone (182). Unfortunately, the Krajcinovic model is not
accurate; it predicts damage from the onset of loading and thus lacks the initial linear region
observed experimentally. Another discrepancy between the constitutive response predicted
by the model and that observed experimentally is lack of a linear strain-hardening post-yield

region. This is due to the limiting nature of the elastic constitutive response assigned to the
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osteons in the model, whereas it is known that osteons exhibit inelastic behavior before
failure (121).

One use of mechanical models of bone is the explanation of experimental results in
terms of microstructure. The relationship between cortical bone mechanical properties and
microstructural parameters such as porosity, mineral fraction and osteonal bone fraction, has
been investigated empirically (13, 16-19), but little work has been done in comparing the
relative effects of these microstructural parameters on the mechanical properties of bone.
Stepwise multiple regression was used to rank microstructural properties in terms of their
effect on bending properties (13), but the amount of osteonal vs. interstitial bone was not
included in the analysis. Furthermore, these data, relating microstructure and mechanical
properties have never been incorporated into a mathematical model of the elastic and post-
yield properties of cortical bone. Such a model would be useful in that it could be used to
predict the mechanical properties of bone after controlled variation of microstructural
parameters that are difficult to control or measure experimentally. These predictions would
then provide an understanding of the underlying failure mechanisms.

The overall goal of the current study was to expand the continuum damage model
first proposed by Krajcinovic (182) in order to better understand the role of microstructure
in the mechanical properties of bone. This approach could then be extended to the
ultrastructural level to model collagen, hydroxyapatite , and their interface, in order to gain
a more complete understanding of the structure-function relationship of bone tissue. The
specific objectives of this study were to: 1) extend the Krajcinovic model to include in
initial linear-elastic region and post-yield deformation; 2) further extend the model to
include interstitial bone and incorporate variations in microstructure and mechanical
properties; 3) perform a sensitivity analysis to determine the effect of input parameters on
the predicted stress-strain response; 4) calibrate the model by comparing select model
predictions to experimental results; 5) perform a parametric analysis to determine the role of

porosity, osteonal bone fraction, and osteon and Haversian canal size on the mechanical
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properties of bone; and 6) compare results from the parametric analysis to experimental
results in order to provide an overall validation of the model. To meet these objectives,
models of osteons embedded in a matrix of interstitial bone were created where both the
osteons and the sections of interstitial bone were assigned mechanical properties from a
statistical distribution. The models were numerically loaded in tension to failure and
mechanical properties including elastic modulus and yield and ultimate stress and strain
were calculated and compared with experimental results.

Theoretical Background

Three different models will be described in this section. First, the model proposed
by Krajcinovic (182) will be reformulated in terms of the displacement which causes failure
in each osteon, rather than force which Krajcinovic used. Second, the model will expanded
to address one limitation of the original model, the lack of an initial linear region (Figure
7.1 and 7.2). Third, the model will be further expanded to address a second limitation of
the original model, the lack of a linear, strain-hardening post-yield region (Figure 7.1 and
7.2).

The original model consisted of osteons only, that is, interstitial bone was not
accounted for even though the failure mechanism was osteons pulling out of interstitial
bone. The interstitial bone will be neglected here also. The model described in the next
section will address this limitation.

The input parameters for these models are elastic modulus, initial and final yield
strains and failure strain of the osteons.' These values, set to 17.7 GPa, 0.3%, 0.8% and

1.5%, respectively in each model were obtained from experimental results of larger,

'The following terminology will be used in this chapter for clarity: “Apparent” mechanical properties will
be used to describe the mechanical properties of a continuum level specimen, i.e. a specimen that contains
many osteons and many fragments of interstitial bone. The apparent properties may refer to either
experimental results or the output of one of the theoretical models; it will be clear in the text which one is
being refered to in each case. “Osteon” and “interstitial” properties refer to the mechanical or microstructural
properties of the osteons or interstitial bone fragments, respectively.
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continuum level specimens (Chapter 6). Thus the predicted behavior could only be
compared qualitatively to experimental results since the quantitative results (elastic
modulus, yield point, etc.) were input parameters for the model. Since the purpose of these
models is to motivate the more detailed model described in the next section, the methods as
well as the results for these models will be described in this section.

Krajcinovic assumed that osteons failed by pulling out of the matrix of interstitial
bone. The strength of each osteon was then dependent on a random variable, the embedded
length of the osteon, which was selected from a statistical distribution. No assumption
about the failure mechanism will be made here, and furthermore, the model will be
reformulated with displacement, rather than load as the failure criteria. In this case, the
displacement required to break each osteon will be selected from a statistical distribution.
Assuming that the displacement required to break each osteon is random and uniformly
distributed over a range of possible values (from O to §,; Figure 7.4), the probability
density function for the displacement which causes the osteon to break, 8" is:

&ty =L (1)

)

max

Since the osteons are first assumed to behave in a linear-elastic fashion, with no post-yield

deformation, the constitutive law for Force in the i* osteon, F,is:

F =K76 for 0< &< 8 )

F, =0 for § > &/ 3)

where § is the displacement of the model, K is the apparent stiffness, and N is the number

of osteons in the model. The forces in all the osteons can then be summed to get the

apparent force in the model:
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Fapp = Z F; = K(S(I—FJ = K5(l—w) (4)
where N is the number of osteons that have reached their failure displacement, and  is the
damage parameter, defined as:

number of failed osteons

)

total number of osteons

Note that w=0 indicates that there is no damage—all the osteons are intact, and w=1
indicates a fully damaged state—where no osteons can bear any load. For a continuous
probability distribution, w is given by the integral of the probability density function from
negative infinity to the current displacement (Figure 7.4) Similarly, the fraction of intact
osteons, (1-w), is given by the integral from the current displacement to infinity. The

equilibrium equation (4) can then be rewritten in integral form for a large number of

osteons as:

F,, = K&[ p(8!)ds!™ 6)
é

where the integral represents the fraction of osteons that have not yet failed, (1-w). For a

constant probability density function with bounds of 0 and §,,, the integral is:

5mn
[ P65 =1-0= 6 - )=, Y
5 6"““
and the damage parameter is:
é
w = -6— (8)
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Combining (8) with (4) the constitutive relation for the model can be written as:

é
F;olal = KJ(I_ 6maxJ’ (9)

which is quadratic in displacement. The stress-strain response predicted by this model is

therefore parabolic (Figure 7.2).

The preceding equations can be rewritten in terms of apparent stress and strain by

introducing the following relations:

F=Ao; K=AFE/L,; d=Le, (10)

where A and L are the original cross-sectional area and length of the material, E is the

elastic modulus and o and € are the apparent stress and strain, respectively:

0'=Ez(l— £ ) (11
emx

where €, is the maximum failure strain in any osteon, determined by a statistical

distribution.

The first shortcoming of the Krajcinovic model is the lack of an initial linear regime
in the stress-strain response. The response is non-linear from the onset since the uniform
distribution of osteon strengths has a lower bound of zero. An initial linear regime is
created by simply increasing the lower bound of the statistical distribution of displacements
that cause failure in the osteons. In this case, the probability density function (Figure 7.4)

is given by:

p(8;"*) = (12)
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In this model, the failure strains, rather than displacements vary from a non-zero minimum

value, ¢, to a maximum value €, , but the equations are similar. The constitutive equation

is then:
o=[1-w]Ee for 0<w<1 (13)
where
—o= [ﬂ] (14)
emax —emin

and o is the apparent stress, E is the apparent Young’s modulus and € is the apparent strain

in the model. At strains below the minimum osteon failure strain, €

‘min?

equation (13) is
replaced with

o=Eefor0<e<eg. (15)

This model has two degrees of freedom: €, and €,,,,. Increasing these parameters
increases the strain at the yield point—where the curve becomes nonlinear—and the failure
point respectively. Additionally, the apparent ultimate stress is proportional to both &, and
€,... The discontinuity in the stress-strain response is due to the abrupt onset of failure
caused by the use of a uniform distribution of failure strains. A normal distribution of
failure strains provides continuity of slopes between the linear and non-linear regions of the
response. The addition of a linear regime brings the model into good agreement with
experimental data from a qualitative standpoint in the elastic and knee regions, but does not
predict the linear post-yield region (Figure 7.2). Again, no significance should be
associated with the good quantitative agreement between the apparent mechanical properties
of the model and experimental results, since the osteon mechanical properties were selected

from the apparent experimental data.
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The second shortcoming of the Krajcinovic model is the lack of a linear post-yield
region in the stress-strain response. This type of response, although observed
experimentally in cortical bone, is not displayed by the model since the osteons in the
model are assigned a linear-elastic constitutive response. This shortcoming can be
addressed by assuming an elastic-plastic constitutive behavior for each osteon rather than
an elastic-brittle one.

To create a smooth transition between the elastic and post-yield regimes, the yield
strain rather than the failure strain of each osteon is varied. Since only one input parameter
was assigned from a statistical distribution, the failure strain of each osteon is constant, ..
This limits the failure strain of the model to a constant value, €. The yield strains in the
osteons vary with a constant probability from &, to €, .. The value of €,,, determines the
onset of yielding and €, determines the strain when all osteons have yielded and are
deforming plastically. There are three distinct regions in this model. The first region is
linearly elastic with a slope equal to the modulus of the osteons. The governing equation in
this region is:

o=Ecfor0<e<e),. (16)

The second region, €, < € < €&, is parabolic and links the linear elastic region to the
(linear) perfectly plastic region. Stress is determined by adding the forces in the plastically
deforming osteons (those that have passed their yield point) to the forces in the elastically
deforming osteons (which have not reached their yield point). Since forces, and not
stresses, must be summed, this part of the constitutive law is first given in units of force
and displacement and then converted to units of stress and strain. The total force in the
osteons that are deforming elastically is:

X ., —x
NN

— )
xmin
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where the bracketed quantity is the fraction of osteons that have not yielded (I-w) and F, k,
and x are the force, stiffness and elongation in the elastically deforming osteons,
respectively.

The force in the plastically deforming osteons must also be summed. Since each
osteon has a different yield strain but a common elastic modulus, the force in an osteon
after yielding occurs is linearly proportional to the yield strain of that osteon. The average
yield strain of the already yielded osteons is halfway between the minimum osteon yield
strain and the current strain, since the probability distribution function is constant. The total

force in the plastically deforming osteons is then:

x=x). x+x)r,
FPlastic =[Xl{nx _x:ﬁn :|K( ) J (18)

and the total force is:

F = F;lasu'c + F;)laslic (19)
Substituting equations (17) and (18) into (19):
y — 7. y.
Fo| Ko X e | X X x+x) 20)
X max ™ X i X max ™ Xmin 2
Converting into apparent stress and strain using (10):
y - -g [ e+€’.
o=|—m "% |pgy| S Emn E% %mn \forer <e<e’, . (21)
Ermax ~ Emin Enmax ~ Emin 2

In the third region all rods in the model are deforming plastically. Again the mean value of

the yield strain distribution is used for the strain:

Y 4+g?
o= E(e'"“‘T“‘“) for €', <€ <E,.. (22)
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This model has two degrees of freedom: €, and &,,,,. Increasing these parameters
increases the apparent strain at the onset of yielding—where the curve becomes nonlinear—
and the completion of yielding—where all the osteons deform plastically. Again, the
ultimate strength is proportional to both ¢, and &, . The addition of the elastic-plastic
constitutive behavior improves the qualitative agreement between the model and
experimental data (Figure 7.3). Again, no significance should be associated with the good
quantitative agreement between the curves, since the input parameters were selected from
the experimental data.

While these models can predict the qualitative stress-strain behavior of cortical bone
they are limited in that only a single input parameter is allowed to vary in a given model and
thus the full intra-specimen heterogeneity of cortical bone is not adequately represented.
Additionally, the model employs an integral rather than summation in the solution, thereby
assuming an infinite number of osteons while at the same time neglecting interstitial bone.
In real bone, of course, there are a finite number of osteons and the interstitial bone does
contribute to the stress-strain response. A final limitation is that these models do not
account for porosity, which will decrease the stiffness and strength of the material. All of
these limitations will be addressed in the model described in the next section.

Theory

A more complex model of cortical bone was developed based on the original model
developed by Krajcinovic and expanded in the previous section. Each shortcoming of the
previous models was addressed specifically, and the result was a more general model of
cortical bone. This section will present the governing equations and derivation of the
model. Specific values of input parameters will be described in the next two sections: the
baseline case and the sensitivity analysis.

Since elastic behavior alone was not capable of completely matching the stress-

strain response of bone (Figure 7.2), an elastic-hardening constitutive response was used.
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The elastic-perfectly plastic response used in the previous model (Figure 7.3) is a special
case of this model, where the slope of the hardening (post-yield) modulus is set equal to
zero. The interstitial bone was modeled explicitly, and separately from the osteons, so that
each material had mechanical properties which were assigned independently. The size of
the specimen in the model was fixed, so that the model would include a finite number of
osteons and interstitial bone fragments thus allowing the use of a summation rather than
integration techniques. In order to incorporate more intra-specimen heterogeneity, all
mechanical properties—elastic modulus, yield strain, hardening modulus, and failure
strain—were assigned to each osteon and each fragment of interstitial bone according to
independent statistical distributions. Osteon and Haversian canal diameters were set
according to a statistical distribution also, and porosity was modeled explicitly via the
Haversian canals, which were considered to have stiffness and strength equal to zero.
Finally, since so many parameters were assigned simultaneously from statistical
distributions, a Monte Carlo simulation was used to run each model multiple times, thus
simulating an experiment with a mean value and a standard deviation for each output
parameter representing the inter-specimen heterogeneity.

Small blocks of cortical bone were modeled as a set of parallel circular osteons with
concentric circular Haversian canals embedded in a matrix of interstitial bone. The apparent
specimen size was 2 mm x 3 mm x 10 mm in all models, selected to mimic specimens used
in mechanical testing (Chapter 6). The cross-section of the specimen was constant. The
first step in building each model was to select the number of osteons and interstitial
fragments. Each osteon was then assigned an inner and outer diameter according to a beta
distribution. A beta distribution was used to eliminate numerical instabilities due to extrema
occasionally found in normal distributions. Each beta distribution required a mean value,

coefficient of variation, and a minimum and maximum value. The porosity, osteonal bone
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fraction, and corrected osteonal bone fraction? were calculated based on the osteon diameter

distributions and the specimen size as:

$D HCD!

ity = —L , 23

porosity = —— (23)
£.0D}

Ost_Frac = ——, (24)
w*t

and

%(ZOD,’ -X HCD,’)

i i , 25
w*t—2Y HCD} @)
i

Cor_Ost_Frac =

respectively, where HCD, and OD, are the diameters of the i* Haversian canal and osteon,
Ost_Frac and Cor_Ost_Frac are the uncorrected and corrected osteonal bone fraction, and
w and ¢ are the width and thickness of the specimen. The fraction of interstitial bone was

then calculated as:

Int _Frac =1-0Ost_Frac (26)

and the cross-sectional area of each interstitial fragment was given by:

* %
Int_Area = Int _Frac*w*t @7)
n.

? The osteonal bone fraction and corrected osteonal bone fraction refer to the relative area occupied by
osteons in the whole specimen including and excluding porosity, respectively and has been used previously
by other authors (10, 19).

135

LN

y 1~



where n,, is the number of interstitial fragments. After completing the assignment of

microstructural properties, mechanical properties were assigned to each osteon and
interstitial bone fragment.

Elastic stiffness, displacement at yield, post-yield stiffness, and displacement at
failure were assigned to each osteon and each interstitial bone fragment according to beta
distributions. In general, different distributions were used for the interstitial bone and the
osteons (see next section). Forces, displacements and stiffnesses were used in the model
rather than stress, strain and moduli, since the osteons varied in size and thus forces, rather
than stresses, were summed in order to obtain the total force on the model. After force-
displacement data were obtained from each model, they were converted into stress and
strain data.

Since experimental results are generally reported as material properties and not
structural properties, input parameters were converted back into structural properties before
being input to the model. The mean stiffness in the osteons, k’, was calculated using the

following formula:

ost

kK’ =2(OD*-HCD?) 1

(28)

where E° is the average elastic modulus of the osteons, [ is the length of the specimen

(10 mm), and OD and HCD are the mean diameters of the osteons and Haversian
canals, respectively. Since elastic stiffness was linearly proportional to elastic modulus, the
coefficient of variation, and minimum, and maximum values for the stiffness distribution
were scaled from the desired elastic modulus values. The post-yield stiffness of the osteons
was set similarly to the elastic stiffness, except that the experimental post-yield modulus
was used to determine the mean, coefficient of variation, maximum and minimum values in

the post-yield stiffness distribution. Since the length of the model was constant (10 mm),
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the deformation at both yield and failure were calculated by multiplying the desired yield
and failure strains by this length.

Mechanical properties were assigned to the interstitial bone in a similar manner. All
the interstitial bone fragments were assumed to be solid and of the same size, so the

average stiffness in the interstitial bone was given by:

. int
< int

k = Int_AreaET (29)

where E™ is the average elastic modulus in the interstitial bone and Int_Area is given by
equation (27). Again, the coefficient of variation, and minimum and maximum values for
the stiffness distribution were scaled from the desired elastic modulus values. The post-
yield stiffness of the interstitial bone was set in the same manner as for the osteons, except
that different input parameters were used. For convenience, units of modulus and strain
rather than stiffness and deformation are used in all tables of input parameters.

Stress-strain curves were generated from each model by calculating the apparent
force on the model at strain levels from zero to 2.5% and dividing the force by the apparent
cross-sectional area to obtain the stress. Total force was calculated as the sum of the force
in each osteon plus the force in each interstitial bone fragment. The force at a displacement

x; for the i" osteon or interstitial bone fragment was given by:
k;x; if x; < xY

f= kx + hi(x-xY ) if x < x, < x/™ (30)

0 if x; > x,™

where k, and h, are the elastic and post-yield stiffnesses of the i* component (osteon or
interstitial bone fragment) respectively, and superscripts denote the yield and failure
displacements. Apparent stress and strain were calculated by dividing force by the apparent

cross-sectional area and dividing the displacements by the length of the specimen,
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respectively. Elastic modulus was calculated as the slope in the initial region of the stress-
strain curve; the yield point was calculated using the 95% secant method; the ultimate point
was calculated as the point of maximum stress; and the post-yield modulus was calculated
as the slope immediately prior to the ultimate point (Figure 7.1).

To obtain a statistical distribution of mechanical properties, the process described
above (assigning microstructural and mechanical properties, summing the forces in the
osteons and interstitial bone and calculating mechanical properties) was run multiple times,
each with a different distribution of microstructural and mechanical properties (i.e. a Monte
Carlo simulation). Summary statistics (mean, standard deviation, maximum and minimum)
were calculated for each set of simulations.

Methods
Baseline case

In order to perform a sensitivity analysis on the input parameters in the model, a
baseline case was first created. Some input parameters for the baseline case were taken
directly from published studies of the apparent mechanical properties of bone tissue while
others were estimated directly for osteons and interstitial bone based on results from other
studies. For the baseline case and the sensitivity analysis of mechanical properties, there
were 25 runs in each simulation and the number of osteons was fixed at 55. A convergence
study indicated that 25 runs was sufficient to produce average microstructural and
mechanical properties within 3% of the average value of 100 simulations (Appendix D).
Models with 55 osteons had porosity values of 13.5% and osteonal bone fractions of
approximately 54%, on average (Table 7.3).

The osteon diameter was assigned from a beta distribution with a mean £ SD of
252 £ 107 pm. The minimum and maximum for the beta distribution used to assign
osteon diameter were 100 um and 572 um, respectively. For each osteon, the Haversian

canal diameter was set equal to one half of the osteon diameter. These values were selected
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based on the measurements of osteons and Haversian canals in tibial cortical bone from
seven cadavers ranging in age from 21 to 83 years (183). The minimum and maximum for
all other beta distributions (used to assign mechanical properties) were two standard
deviations less than and greater than the average value, respectively.

Rho et al. (184) measured the elastic moduli of dehydrated osteons and interstitial
bone using nanoindentation tests. Values of 25.8 £0.7 GPa (meant SD) and
22.5 £ 1.3 GPa were reported for the interstitial and osteonal bone tissue, respectively.
These mean values were reduced by 25% to account for the 20-30% increase in stiffness
that occurs with dehydration (139, 185). The elastic moduli used for the baseline case were
therefore: 19.4 £ 0.7 GPa and 16.9 £ 1.3 GPa for the interstitial and osteonal bone,
respectively (Table 7.1). The maximum and minimum values were set to two standard
deviations above and below the mean value for each group, respectively.

No measurements of the yield strain in either osteons or interstitial bone have been
reported. Ascenzi and Bonucci measured the elastic modulus and ultimate stress for various
types of isolated osteons (121). They employed a microwave extensometer to measure
strain, and measured values of failure strain in single osteons 3-4 times higher than
observed in machined specimens of cortical bone. Additionally, demineralized osteons also
failed at strains 3-4 times higher than demineralized cortical bone. Thus while the strength
values seem reliable, modulus values, which rely on the strain measure, may not be.
Ascenzi and Bonucci also reported that the “proportional limit is only about half the
breaking stress” for each osteon (121). This has been confirmed more recently (186). The
average yield strain in the osteons can therefore be estimated by dividing the ultimate tensile
strength by two (to get the yield strength) and then dividing by the average elastic modulus
of the osteons (given above). Using Ascenzi and Bonucci’s strength values and a constant
elastic modulus of 16.9 GPa, gives yield strains ranging from an average of 0.26% for
lowly calcified osteons to an average of 0.36% for highly calcified osteons, with an

average of 0.31%. Thus the yield strain for the osteons was selected from a beta
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distribution with a mean + SD of 0.31 £ 0.05%. Since interstitial bone is thought to be
more highly mineralized than osteons (121) and since the yield strain of osteons increased
with calcification (0.36% vs. 0.26% in highly vs. lowly calcified osteons (121)) a yield
strain of 0.39 + 0.05% was assumed for the interstitial bone. This mean value was
selected to be greater than the yield strain of highly calcified osteons but with less of a
difference between the yield strains of interstitial bone and highly calcified osteons
compared to the difference between the yield strains of highly and lowly calcified osteons.
The standard deviation was assumed to be the same in the interstitial bone and in the
osteons.

Like yield strain, no data are available for the post-yield modulus of either osteons
or interstitial bone. The elastic modulus of interstitial bone is approximately 15% higher
than the elastic modulus of osteons (184). Accordingly, post-yield modulus will be
assumed to be different by 15% also. Since the higher level of mineralization in interstitial
bone may be the cause of the increased elastic modulus relative to osteonal bone, the
opposite will be assumed about the post-yield modulus. That is, since the interstitial bone
has a lower organic fraction (i.e. a higher mineral fraction) the post-yield modulus of
interstitial bone is assumed to be lower than the post-yield modulus of osteons. That
difference will be set to 15%. Furthermore, since the elastic modulus of osteons and
machined specimens of cortical bone are similar (16.9 + 1.3 GPa vs. 17.7 £ 1.5 GPa,
respectively) the post-yield modulus of osteons was selected from a distribution with a
mean t SD equal to that measured from machined specimens of cortical bone (714 £ 207
MPa; Chapter 6). The post-yield modulus of the interstitial bone was selected from a
distribution with a mean  SD of 607 + 178 MPa (mean was reduced 15%, coefficient of
variation was the same as for the osteons).

The final mechanical property that had to be assigned to the osteons and the
interstitial bone fragments was failure strain. Ascenzi reported failure strains, but as

discussed above, they are much higher than would be expected based on test results from
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machined specimens (121). However, even if Ascenzi and Bonucci’s failure strain values
are high, they were probably systematically high, and so the variation they observed is
likely representative of the true variation. Furthermore, there is no evidence to suggest that
the failure strain of osteons and interstitial bone should be different. As an initial
approximation of the mean failure strain in osteons and interstitial bone fragments, the
mean failure strain of machined cortical bone samples (1.63%) was selected. The
coefficient of variation was set to 30%, approximately in the middle of the values obtained
by Ascenzi and Bonucci (121). This resulted in a failure strain distribution of
1.63 £ 0.50 %. Coincidentally, the standard deviation (0.50%) is very similar to that
measured for machined samples of cortical bone (0.54%).

Sensitivity study of mechanical properties

In order to determine the sensitivity of the output parameters to the input mechanical
properties, the mean value of each mechanical property (elastic modulus, yield strain, post-
yield modulus, failure strain) was increased and decreased by two standard deviations
while keeping the coefficient of variation constant. All other parameters were assigned from
distributions with the same mean and standard deviation that were used in the baseline case
(Table 7.2). The number of osteons in each model was kept constant at 55 to reduce the
variation in the output parameters and simplify comparisons between different models. One
parameter, failure strain, could not be reduced by two standard deviations since negative
values would have been assigned to some elements and since failure strain would have
been lower than yield strain in some elements therefore, it was increased by two standard
deviations and decreased by only one standard deviation (Table 7.2).

Two additional models were created with all parameters simultaneously increased or
decreased by two standard deviations (failure strain was only decreased by one SD) in
order to investigate the interaction effects of different properties. The sensitivity of the

model-predicted apparent mechanical properties to the mean values of input parameters was
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quantified by calculating the percent change in the predicted value of each mechanical
property for each change in input parameter.

Calibration

Stress-strain curves and apparent mechanical properties measured experimentally
(Chapter 6) were compared to the baseline model and models with different input
parameters. Input parameters used in the sensitivity analysis which provided the closest
match between the model and the experimental results described in Chapter 6 were then
selected for the microstructural parameter study. This calibration allowed for direct
comparisons between the results of the subsequent microstructural parameter study and
experimental results.

Microstructural parameter study

After calibrating the model, the role of porosity, osteonal bone fraction (uncorrected
and corrected), and osteon size were investigated. Since the model was programmed into a
Monte Carlo simulation, porosity and osteonal bone fraction could be varied within one
simulation (i.e. multiple runs of the model) by allowing the number of osteons to be set
randomly for each run within the simulation. For these studies, the number of runs in each
simulation was set to 100 and the number of osteons was assigned a number randomly
selected from a uniform distribution from 40 to 70. This range of osteon numbers spanned
the physiological range of both porosity and osteonal bone fraction. The role of porosity
and osteonal bone fraction in the mechanical properties of bone was then investigated using
linear regression analysis of mechanical properties vs. porosity, osteonal bone fraction and
corrected osteonal bone fraction.

The role of porosity was further investigated by changing the Haversian canal
diameters. The Haversian canal diameters were set equal to 60% and 40% of the osteon
diameters, compared to 50% for the baseline case. The number of osteons in these

simulations was changed simultaneously in order to maintain a porosity values within the
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physiological range. The bounds on the number of osteons were 30 and 60 for the model
with larger Haversian canals and 50 and 80 for the model with smaller Haversian canals.
Finally, the role of osteon size was investigated by increasing and decreasing the mean
osteon diameter, to 200 um and 300 um, respectively, while keeping the Haversian canal
diameters equal to half of the osteon diameters. Again, the number of osteons was changed
simultaneously, to 40-130 and 20-50, respectively, in order to maintain a physiological
range of porosity values.

Results
Sensitivity study and calibrated model

The baseline model did not predict the shape of the stress-strain curve of cortical
bone (Figure 7.3). Instead, the model predicted a linear region followed by a yield point
and subsequent softening, due to osteons and interstitial bone fragments failing at strains as
low as 0.63% (the minimum value of the beta distribution used to assign failure strain).
Additionally, The model did not predict the sudden failure observed experimentally, but
rather that the stress reduced gradually until all osteons and interstitial bone fragments had
failed. These differences were reflected in the predicted apparent mechanical properties
which were lower than experimental values by 6 to 59% although the variation in the
predicted apparent propertied was much less than that observed experimentally for most
mechanical properties (Table 7.3).

The sensitivity analysis demonstrated that the former discrepancy was eliminated
when the mean failure strain was increased by two standard deviations (Figure 7.3d). In
this case, the model accurately predicted the stress-strain response of cortical bone up to the
ultimate point. After the ultimate point, the model still predicted a slow decline in stress,
rather than the catastrophic failure observed experimentally (Figure 7.3d). Interestingly, the

apparent ultimate stress was reached immediately prior to failure of the first osteon or
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interstitial bone fragment. This result is not obvious since the remaining intact material is
still in a hardening regime, that is, the post-yield stiffness is positive.

All but one mechanical property of the osteons and the interstitial bone had to be
increased in order to match experimentally observed apparent properties. Increasing elastic
modulus and yield strain brought the model predictions closer to bone behavior (Figure
7.3a and b); while changing post-yield modulus had little effect (Figure 7.3c). Increasing
all input values simultaneously brought the model into good agreement with experimentally
observed behavior (Figure 7.3e). Two input parameters—elastic modulus and yield
strain—had substantial affects on multiple mechanical properties (Table 7.4). For example,
increasing elastic modulus of the osteons and interstitial bone by an average of 12% (16%
in the osteons and 8% in the interstitial bone) caused 6-9% increases in elastic modulus,
yield stress, post-yield modulus and ultimate stress and a 16% reduction in ultimate strain.
In contrast, changing the other two input parameters—post-yield modulus and failure
strain—had little affect on other mechanical properties. Neither the elastic modulus nor the
yield stress or strain were changed by increasing or decreasing the mean value of post-yield
modulus or failure strain.

There were large differences in the post-yield modulus predicted from all the
models (Table 7.4), but these differences were due to the absence of a linear post-yield
region in most of the predicted stress-strain responses. The failure strain was increased in
the calibrated model to ensure a linear post-yield region, thereby eliminating this problem
from subsequent analyses. Decreasing each input parameter caused changes of similar
magnitude but opposite direction to those caused by increasing the same parameter.

Taken collectively, the results of the sensitivity analysis indicated that all input
values except post-yield modulus had to be increased in order to mimic the stress-strain
response and the apparent mechanical properties of cortical bone. The calibrated model
therefore had input parameters two standard deviations above baseline values except post-

yield modulus, which was kept at the baseline value (Table 7.4). The calibrated model
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predicted the mechanical properties of cortical bone within 15% for all properties except
post-yield modulus, which was 26% lower than the measured value (Table 7.5). The
average porosity, osteonal bone fraction and corrected osteonal bone fraction in the baseline
model were 13.5% and 53.8% and 45.2%, respectively (Table 7.5).

Microstructural parameter study

The microstructural parameter study revealed that all mechanical properties except
failure strain decreased with increasing porosity and osteonal bone fraction (Figure 7.4,
Figure 7.6). Additionally, both corrected and uncorrected osteonal bone fraction were
highly correlated with porosity (r* > 0.98 for both regressions; Figure 7.8). This result
indicated that osteonal bone fraction and porosity were not independent measures of the
microstructure of the model. This result is not surprising since the Haversian canals are the
only source of porosity in the model. Porosity was therefore selected as the independent
variable for the analysis of microstructure and mechanical properties.

The relationships between apparent modulus, and apparent yield and ultimate stress
vs. porosity were different for different Haversian canal diameters (Figure 7.6, Figure
7.7). The apparent elastic modulus decreased with Haversian canal diameter at a fixed
porosity. Additionally, the negative slope of the apparent modulus vs. porosity regressions
decreased with decreasing Haversian canal diameters (Figure 7.5), indicating there was a
greater effect at higher values of porosity. Similar trends were observed for apparent yield
and ultimate stress (Figure 7.6). In contrast, no differences in any mechanical property
were observed in models with different mean osteon size, when plotted against porosity
(Figure 7.4, Figure 7.5).

Discussion

Overall, the model was able to accurately predict the stress-strain response, and
provide insight into the relationship between microstructure and the apparent mechanical

properties of bone. Specifically, the mechanical properties of osteons and interstitial bone
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had to be increased in order to accurately predict the apparent mechanical properties of
bone. The model predicted that apparent mechanical properties decrease with increasing
porosity, and further that the Haversian canal diameter, relative to the osteon diameter, also
affects apparent mechanical properties. The model is therefore a useful tool in investigating
the relationship between the microstructure and the mechanical properties of cortical bone
and could easily be expanded to include additional microstructural elements such as cement
lines and lamellae. The relatively simple changes from the model originally proposed by
Krajcinovic caused substantial improvements in its predictive power.

The greatest strength of this study is the agreement between the predicted
relationships of both elastic modulus and ultimate stress vs. porosity and published
regressions based on experimental findings. Furthermore, the use of a Monte Carlo
simulation allowed for all input parameters—mechanical and microstructural—to be
selected randomly for each element in the model, thus mimicking the heterogeneity of bone
tissue. Closed-form analysis prohibits the random assignment of more than one input
parameter. The Monte Carlo simulation also enabled the porosity and osteonal bone fraction
to be varied within a single simulation, thus simplifying the investigation of microstructure
and mechanical properties.

Although the model accurately predicted the stress-strain response of cortical bone,
it must be recognized that some of the input parameters were selected based on
experimental results from macroscopic specimens (i.e. specimens larger than single osteons
or interstitial fragments). These input parameters, post-yield modulus and failure strain,
were selected based on apparent behavior, since there are no reliable data available on either
of these parameters for osteons or interstitial bone. Ascenzi (121) reported failure strains
for single osteons, but the values were much higher than expected for highly mineralized
osteons. Elastic modulus values reported in the same study were substantially lower than
reported values for macroscopic samples and osteons tested with other techniques. These

discrepancies can both be explained by artificially high strain measurements, suggesting
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that the microwave extensometer used by Ascenzi was not sufficiently accurate. Other input
parameters, elastic modulus, yield strain, and osteon and Haversian canal diameters, were
selected based on experimental results of apparent properties for the baseline case.

Sensitivity analysis indicated that all mechanical properties except post-yield
modulus had to be increased by two standard deviations in order to accurately predict the
mechanical properties of cortical bone. This suggests that: 1) the mechanical properties of
osteons and interstitial bone may be substantially greater than the apparent properties; and
2) variance in the mechanical properties of the osteons and interstitial bone reduces the
apparent properties. The second point is most obvious in the case of yield strain. For
example, if the yield strain of all osteons and all interstitial bone fragments were set to a
constant value of 0.4%, the apparent yield strain would also be 0.4%. If, instead, the yield
strain of the osteons and interstitial bone fragments was assigned separately for each
element from a beta distribution with and mean +SD of 0.40 + 0.05%, some
components could be assigned yield strains of less than 0.30% which would cause the
apparent stress-strain behavior to become non-linear at this strain. Since the apparent yield
strain is measured as a deviation from linearity, variance in the yield strains of the osteons
and interstitial bone would cause the apparent yield strain to drop below 0.40%. This affect
was confirmed by increasing the coefficient of variation of the yield strain distribution for
both the osteons and interstitial bone by a factor of five while keeping the mean yield
strains and all other input parameters constant relative to the calibrated model. The resulting
model predicted apparent yield strains that were substantially lower, on average, and had
more variation compared to the calibrated model (0.16 £ 0.04% vs. 0.45 + 0.01,
respectively).

The aim in creating the calibrated model was to simplify comparisons between the
model predictions and experimental results. The trends that were predicted by the model—a
reduction in apparent ultimate stress with increasing porosity, for example—would have

been the same without the adjustments, the mean values would have been different, thus
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making comparisons with published results more difficult. The role of the variance of input
parameters on the model behavior was not investigated in detail, neither was the affect of
altering osteon and interstitial bone properties independently. These are also limitations of
the model which must be recognized, and possibly addressed in future work. A preliminary
analysis did indicate that increasing the coefficient of variation of some input parameters did
affect the model predictions. As described above, increasing the coefficient of variation of
the yield strains in the osteons and interstitial bone decreased the apparent yield strain
substantially. In contrast, increasing the variation in the elastic moduli of osteons and
interstitial bone by a factor of five while keeping the mean values constant has little affect;
the only difference was an increased coefficient of variation of the apparent modulus (6.4%
vs. 5.0% for the calibrated model).

A final limitation was that porosity was only modeled via the Haversian canals.
Although there is porosity due to lacunae and canaliculae, they sum to about 10% of the
total porosity of cortical bone (187), and are therefore minor compared to Haversian
porosity. Additionally, porosity due to lacunae and canaliculae is not usually included in
experimental analysis (10, 12, 19), thus the predicted relationships between apparent
mechanical properties and porosity should still match those determined experimentally.
Porosity due to Volkmann’s canals, however, may be similar in magnitude to Haversian
porosity. Since all apparent mechanical properties decreased with increasing Haversian
porosity, it is likely that the inclusion of Volkmann’s porosity into the interstitial bone
portion of the model will further reduce the apparent mechanical properties.

The elastic modulus vs. porosity relationship predicted by the calibrated model and
models with increased or decreased Haversian canals agreed with the linear regression
reported by Currey (188) in the porosity range of 7 to 12% (Figure 7.9). A second
regression, an exponential relationship reported by Schaffler and Burr (189), crosses the
first at about 5% strain but has a steeper slope than both Currey’s regression and the

model. The former regression was based on test specimens with porosity ranging from 3%
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to 7% and therefore does not overlap the porosity range included in the models. Assuming
the highly linear trend of the models continues at lower strains, however, suggests that a
good agreement between the model and both published regressions can be expected in this
lower porosity range. The relationship between ultimate stress and porosity was also
similar to a published regression (Figure 7.10). Ultimate stress in the calibrated model
decreased at a rate of 2.2 MPa/% porosity compared to 2.4 MPa/% porosity reported by
McCalden et al. (19). The intercepts of the equations were also similar (109.5 MPa vs.
123.5 MPa) and would agree even more closely if the post-yield modulus of the osteons or
interstitial bone were increased. The strong agreement between the model predictions and
experimentally determined relationships between mechanical properties and porosity
indicate that the model was capable of accurately predicting the relationship between the
mechanical properties and the microstructure of bone

This is the first model to simulate the complete tensile stress-strain behavior of
cortical bone. The model presented here is based on the continuum damage model
originally proposed Krajcinovic. The main improvements to Krajcinovic’s model include 1)
explicit inclusion of interstitial bone, 2) an elastic-plastic constitutive response of the
osteons and interstitial bone, and 3) a statistical distributions of all input parameters. Other
continuum damage models have been used to predict damage behavior—the reduction in
modulus upon reloading after loading past the yield point has occurred—but not the initial
stress-strain response (180, 181). The model presented here can be used to investigate both
the initial and reloading stress-strain response, although only the former has been
addressed here. Other methods have been used to model the elastic behavior of cortical
bone, specifically homogenization theory (176, 178) and finite element methods (177).
While these techniques have been limited to the elastic behavior thus far, both models
predict a linear relationship between modulus and porosity similar to that reported here
(177, 178).
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Two important motivations for developing a model of any biological system
include: 1) to predict the response of the system by varying input parameters that are
difficult or impossible to control in an experimental situation; and 2) to solve the inverse
problem—describe microscopic phenomena of the system using a model which matches the
macroscopic behavior of the system. Both objectives have been met with the current model.

Input parameters were altered in a controlled manner in order to predict the
dependence of the apparent properties to changes in these parameters. This was done with
porosity, osteon size and Haversian canal size, and could be expanded to include
combinations of these parameters or others such as specimen size, interstitial bone fragment
size, or mechanical properties. The results indicated that all mechanical properties except
ultimate strain decreased with increasing porosity and that at a given porosity, elastic
modulus and yield and ultimate stress also decreased with average Haversian canal
diameter. No relationship between mechanical properties and mean osteon diameter was
predicted.

These results can be explained by considering a simpler model, a three-element
parallel spring model. The elements in the model represent osteonal bone, interstitial bone
and void space. Any mechanical property of the parallel spring model can then be obtained
by taking a volume weighted average of the properties of the spring elements. First, recall
that porosity was only modeled via Haversian canals, which were 25% of the volume of

the osteons in the Monte Carlo simulations, thus

P=025v,, (1)

where P is the porosity and v

osteons

is the osteonal bone fraction (i.e. the volume of osteons
including the Haversian canals divided by the total volume). The modulus of the three-
element parallel spring model is then given by:

E spring _ model =P E void + (vo.veon -P ) E osteon + vinr erstitial E int erstitial (32)
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where E

spring_model’

E void E

osteon’

E, . aiia are the elastic moduli of the three-element parallel
spring model, the void space, the osteonal bone tissue, and the interstitial bone,

respectively and v is the volume fraction of interstitial bone. Since the void space has

interstitial

no stiffness, E, ,,=0 and the right hand side reduces to two terms:

Espn'ng _model = (vosteon -P ) E osteon + vinl erstitial E int erstitial * (33)

Using the fact that the volume fractions must sum to one, and equations (31) and (33)

gives:

Espring_model = 3P Eosteon + (1 - 4P ) Eiruer:lilinl‘ (34)
This equation is linear in P and can then be rearranged to:

E spring _ mod el = E int erstitial + (3E osteon 4E int erstitial ) P ° (35)

A similar relationship can be obtained for post-yield modulus and yield and ultimate
stress since these quantities (or more properly their structural analogs: stiffness and force)
are summed among the elements of the model to determine the properties of the model.
Yield and ultimate strain should not behave similarly however, since yield and failure strain
are determined at the point when the first elements of the model yield and fail, respectively.
Thus, modulus and stress properties should depend on porosity and strain properties
should not, as the model predicted. In the three-element parallel spring model analogy,
increasing osteon size has no affect on mechanical properties at a given porosity, since
porosity and osteonal bone fraction are explicitly linked (i.e. equation 29 remains the
same). Haversian canal diameter does affect mechanical properties however, since this
changes the amount of void space relative to the osteonal bone fraction (i.e. equation 29
changes). Thus this three-clement parallel spring model and the continuum damage model
predict similar relationships between the microstructure and apparent properties of bone.

The three-element parallel spring model lacks the variation obtained by using the continuum
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damage model, since each input parameter is assigned a single value rather than a random
value from a statistical distribution.

The second objective of models of biological systems, solving the inverse problem,
was also addressed through the sensitivity analysis. Adjustments to the input parameters
that were required to bring the model into agreement with experimental data may provide
insight into the mechanical properties of osteons and interstitial bone. The sensitivity
analysis indicated that all input parameters had to be increased in order to accurately predict
the stress-strain response of bone. Although post-yield modulus of the osteons and
interstitial bone was not increased in the calibrated model, this value had the greatest
discrepancy with experimental results, 26%, and increasing it by one standard deviation
would have produced more accurate results. This was not done since the sensitivity
analysis was restricted to changes of two standard deviations in order to simplify the
analysis.

Aside from post-yield modulus though, all input parameters were increased in order
to bring the model into agreement with experimental results. This suggests that the elastic
modulus and yield and failure strains of isolated osteons and interstitial bone are
substantially higher than measured properties of larger samples. This is especially
important for failure strain, since the lower mean value (1.63%) of failure strain used in the
baseline case did not predict the linear post-yield region in the stress-strain response that
has been observed experimentally. Higher failure strains are required to produce this linear
post-yield region. This is supported by the high failure strains reported for isolated
osteons, which ranged from 6.8-10.3%, the lower failure strains corresponding to osteons
with higher elastic modulus, which ranged from 4.3 to 11.7 GPa (121). These strain
measurements may be inaccurate, as discussed above, however, a correction factor can be
obtained however, by dividing the reported elastic modulus by 16.9 GPa, the baseline
value used for this study. The failure strains reported by Ascenzi can then be scaled down
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using this correction factor. This yields failure strains from 2.6% to 4.7%, which are
consistent with the values used as input parameters in the calibrated model (2.6 + 0.5%).

While the high failure strains reported by Ascenzi (121) suggest that some osteons
may be capable of very high strains before failure, such high strains are not realized in situ
since catastrophic failure occurs after the first osteons fail. Bone fails quickly and
catastrophically, but the model predicts a slow decline in stress after the ultimate point. The
catastrophic failure observed experimentally suggests that complete failure occurs once the
first few osteons have failed and that load can not effectively be redistributed at high
strains. This phenomenon could be incorporated into the model by assuming that after a
fixed number of osteons and interstitial bone fragments have failed, the model can no
longer bear any load. This does not minimize the importance of microcracks, which are the
basis for other continuum damage models (180, 181), but rather supports the idea that
when a microcrack reaches a critical size, perhaps the diameter of an osteon, the amount of
damage is too great for continued loading and complete failure ensues. The strain which
determines when a critical crack size is reached in an osteon is the failure strain.

The model developed in this study has been validated by demonstrating good
agreement between predictions from the model and results from experimental tests. This
suggests that the model adequately represents the microstructure of cortical bone—at least
within the scope of this study. Obviously, many simplifications were required in order to
implement the model, and the roles of many microstructural features including individual
lamellae, cement lines, porosity from sources besides Haversian canals, have not been
considered. These features, as well as smaller ones like individual collagen and
hydroxyapatite elements, should be considered for future refinements of this model.
Neither hydroxyapatite nor collagen exhibit post-yield deformation like that observed in
bone. Since osteons without such post-yield deformation can not accurately model the
stress-strain response of bone, the interface between the hydroxyapatite and collagen must

be the source of this post-yield behavior. The inclusion of more microstructural features,
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along with individual elements of hydroxyapatite and collagen may provide more accurate

results and more insight into the inverse problems of bone mechanics.

154

Y
4

1

Lol



Table 7.1. Input parameters for baseline model.

Osteon Interstitial Bone
Diameter (im) 252 £ 107 NA
(100—572)
Haversian Canal Diameter (um) 111 + 47 NA
(44—252)
Elastic Modulus (GPa) 169+ 1.3 19.4 £+ 0.7
(14.3—19.5) (18.0—20.8)
Post-yield Modulus (MPa) 714 £ 207 607 £ 178
(300—1128) (251—963)
Yield Strain (%) 0.31 £ 0.05 0.39 £ 0.05
(0.31-0.41) (0.29-0.49)
Failure Strain (%) 1.63 £ 0.50 1.63 £ 0.50
(0.63—2.63) (.63—2.63)

Values are input parameters for the beta distribution function used to assign values to each

osteon or the interstitial bone and are given as mean  SD (lower limit—upper limit).

NA=property not applicable to interstitial bone.
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Table 7.2. Mean values of input parameters for the baseline model, sensitivity analysis, and

the calibrated model.

Osteon Interstitial Bone
Baseline Alternate Baseline Alternate
Elastic Modulus (GPa) 16.9 14.3; 19.5 19.4 18.0; 20.8
Post-yield Modulus (MPa) 714 300; 1128 607 215; 963
Yield Strain (%) 0.31 0.31;0.41 0.39 0.29; 0.49
Failure Strain (%) 1.63 1.13; 2.63 1.63 1.13; 2.63

Values are means of the beta distribution function used to assign values to each osteon or
interstitial bone fragment. The coefficient of variation was the same in the baseline and all

alternate cases.

The values listed for the alternate cases were used while all other properties remained at the
baseline value. The underlined values were used for the input parameters for the calibrated

and subsequent models.

Alternate cases for the osteons and the interstitial bone were changed simultaneously (i.e.
mean post-yield modulus of 1128 MPa in the osteon corresponded to a mean post-yield
modulus of 963 in the interstitial bone).
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Table 7.3. Apparent mechanical properties of cortical bone from experimental data (n = 9)

and the baseline model (n = 100).

Experiment Baseline Model ~ Average %
Difference 11

Elastic Modulus (GPa) 17.7t 1.5 14.8 £ 0.6 -16
(14.6-194) (13.6-15.6)

Yield Stress (MPa) 66.8 £ 7.7 46.8 £ 2.5 230
(49.8-75.8) (40.6-51.2)

Yield Strain (%) 0.41 £ 0.03 0.33 £ 0.01 -20
(0.35-0.44) (0.31-0.35)

Post-yield Modulus (MPa) 714 £ 207 672 £ 607 -6
(429-993) (470-3541)

Ultimate Stress (MPa) 95.0x 5.6 54.1 2.6 -43
(86.0-102.9) (48.0-58.9)

Ultimate Strain (%) 1.63 £ 0.54 0.67 £0.13 -59
(0.96-2.5) (0.44-0.98)

Osteonal Bone Fraction (%) NA 53.8+5.4 —
(44.1-64.4)

Porosity (%) NA 13.5t1.4 —
(11.0-16.1)

All values are mean * SD (range).

Tt Average % difference is for baseline model compared to experimental data.

Experimental data was derived from the apparent properties reported in Chapter 6 and from

previous studies by other authors (121, 183, 184).
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Table 7.4. Sensitivity of the apparent mechanical properties of the model to input
parameters. The two numbers below each input parameter entry are the coefficient of
variation of the input parameters for the osteons and interstitial bone, respectively. Thus an
increase of two standard deviations in elastic modulus of the osteons (a 16% increase) and
the interstitial bone fragments (an 8% increase) resulted in 10%, 11%, and 10% increases
in the apparent elastic modulus, yield stress, and ultimate stress of the model, respectively,

but no changes in other apparent properties.

Input parameter Z  Elastic  Yield Yield Post-yield Ultmate Ultimate
(SD) modulus stress strain modulust stress strain
Elastic modulus +2 9 9 0 6 8 -16
(8%; 4%) -2 -11 -10 0 -22 -10 0
Post-yield modulus +2 0 0 0 49 0 0
(29%; 29%) -2 0 0 0 -57 0 -4
Yield strain +2 0 34 36 37 25 -6
(16%; 13%) -2 0 -32 -33 -23 -24 0
Failure strain +2 0 0 0 -24 7 130
(31%; 31%) -2 0 0 0 457 -4 -36
All +2 10 49 36 20 53 145
-1% -10 -25 -18 -54 -26 -37

Z is the Z score of the change in input parameter (i.e. the number of standard deviations in
the change).

Differences of less than 3% were considered to be due to random variation in the input
parameters and not due to changes in the mean value of input parameters and, for
convenience, were listed as 0 in the table. Other values were rounded to the nearest percent.
T Apparent post-yield modulus values differed widely since in most cases—including the
baseline case—osteons and interstitial bone fragments began failing soon after the yield
point and therefore there was no linear region to measure the post-yield modulus.

i In this case, the mean value of each properties was reduced by 2 SD except for failure

strain which was reduced by 1 SD (see text for explanation).
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Table 7.5. Apparent mechanical properties of cortical bone from experimental data (n = 9)

and the calibrated model (n = 100).

Experiment Calibrated Average %
Model Difference 11
Elastic Modulus (GPa) 177+ 1.5 16.4 £ 0.8 -7
(14.6-19.4) (13.7-18.2)
Yield Stress (MPa) 66.8 £ 7.7 70.2 £ 5.1 5
(49.8-75.8) (54.5-81.9)
Yield Strain (%) 0.41 £0.03 0.45 £ 0.01 10
(0.35-0.44) (0.41-0.47)
Post-yield Modulus (MPa) 714 £ 207 527 + 23 -26
(429-993) (456-572)
Ultimate Stress (MPa) 95.0+ 5.6 80.6 £5.5 -15
(86.0-102.9) (63.3-92.8)
Ultimate Strain (%) 1.63 £ 0.54 1.52 £0.19 -7
(0.96-2.5) (1.06-1.96)

All values are mean £ SD (range).

T1 Average % difference is for calibrated model compared to experimental data.
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Table 7.6. Apparent mechanical properties measured in experiments and predicted from the

calibrated model and models with altered microstructure.

Experiment  Calibrated Small Large Small Large
Model Haversian Haversian Osteons Osteons
Canals Canals
Elastic 177+1.5 164108 164+0.7 162+10 162+14 16.7%1.1

Modulus (GPa)

Yield Stress 66.8+7.7 702+5.1 67.7t4.4 7T1.1+62 68982 72.0+6.6
(MPa)

Yield Strain 0.41 £0.03 0.45+0.01 0.43+0.01 0.46+0.01 0.44 £0.02 0.45+0.02
(%)

Post-yield 714 £ 207 527 +£23 541 £ 18 508 + 28 520 + 30 533 £ 27
Modulus (MPa)

Ultimate Stress 95.0+5.6 80.6+55 78.3*4.7 81.2+65 78887 82816.8
(MPa)

Ultimate Strain 1.63 £ 0.54 1.52+0.19 1.51+0.18 1.54+0.23 1.51+0.19 1.55+0.24
(%)

All values are mean £ SD.
Results from mechanical testing experiment were obtained in the study described in Chapter
6.
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Figure 7.1. Typical stress-strain response of cortical bone with definitions of mechanical
properties illustrated. The curve consists of an initial linear (elastic) region, a non-linear

knee, and a second linear (post-yield) region.
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Figure 7.2. Stress-strain response predicted by original model by Krajcinovic, the same
model with an initial linear regime added, and experimental data. An initial linear regime
was incorporated by changing the lower bound of the osteon failure strain distribution from
zero to a positive value. The slope discontinuity is due to the use of a uniform rather than a
normal distribution of failure strains. The adjusted model matches the elastic and knee

regions of the experimental data well but does not predict the linear post-yield region.
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Figure 7.3. Stress-strain response predicted by original model by Krajcinovic and the
model with an elastic-plastic constitutive response and a uniform distribution of yield strain
assigned to the osteons. The elastic-plastic constitutive response matches the experimental

data well.
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Figure 7.4. Probability density function of the osteon failure displacement for failure

displacements from zero to §_, (top) and from §_;, to §_,, (bottom). The area of each box

equals one, by definition. The fraction of damaged osteons, w, at a given displacement, J,

is given by the shaded area divided by the total area.
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Figure 7.3. Experimentally determined and model predicted stress-strain response from the
baseline model and models with increased and decreased mean values of: a) elastic
modulus; b) yield strain, c) post-yield modulus, d) failure strain, ) all input parameters,
and f) stress-strain response of the calibrated model and experimental results. The
calibrated model behaves similarly to cortical bone except that the model predicts a sharper

knee in the yield region and does not predict catastrophic failure.
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Figure 7.4. Relationship between elastic (top) and post-yield (bottom) modulus and
porosity for models with osteon diameters of 200 pm (small osteons), 252 um (calibrated
model), and 300 pm (large osteons). The substantial overlap of the data from the three
different models suggests that osteon diameter is not an important parameter in determining
the mechanical properties of bone. The Haversian canal diameters are set equal to one-half

of the osteon diameters for all cases.
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Figure 7.5. Relationship between yield and ultimate stress (top) and strain (bottom) and

porosity for models with osteon diameters of 200 um (small osteons), 252 um (calibrated

model), and 300 um (large osteons). The substantial overlap of the data from the three

different models suggests that osteon diameter is not an important parameter in determining

the mechanical properties of bone.
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Figure 7.6. Relationship between elastic (top) and post-yield (bottom) modulus and
porosity for models with Haversian canal diameters equal to 40% (small Haversian canals),
50% (calibrated model), and 60% (large Haversian canals) of the osteon diameter. Elastic
modulus increased with Haversian canal diameter at a fixed porosity. Plastic modulus was

not affected by changes in Haversian canal diameter.
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Figure 7.7. Relationship between yield and ultimate stress (top) and strain (bottom) and
porosity for models with Haversian canal diameters equal to 40% (small Haversian canals),
50% (calibrated model), and 60% (large Haversian canals) of the osteon diameter. Like
elastic modulus, both yield and ultimate stress increased with increasing Haversian canal
diameter. Yield and ultimate strains were not affected by changes in Haversian canal

diameter. |
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Figure 7.8. Osteonal bone fraction—corrected and uncorrected—vs. porosity of the

calibrated model. There was a high correlation (r* > 0.98) for both regressions indicating

that porosity was a sufficient parameter to quantify the microstructure of the model.
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Figure 7.9. Elastic modulus predicted from the calibrated model and models with different
Haversian canal sizes and regression lines from Schaffler and Burr (189) and Currey
(188). The model agrees reasonably well with the latter regression between 7% and 12%

porosity, particularly for the case of the small Haversian canals.
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Figure 7.10. Apparent ultimate stress predicted from the calibrated model and the linear
regression from McCalden et al. (19). The model agrees well with the regression over the

porosity range modeled.
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Chapter Eight. Conclusions
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Summary of major results

The overall goal of this work was to relate changes in the constituent structure of
bone to changes in the mechanical properties. A series of experiments were performed on
intact, heat-treated and demineralized bovine and human cortical bone. A continuum
damage model of cortical bone microstructure was developed and then used to predict the
apparent mechanical properties of bone. The following are some of the major results of this
dissertation:

1. The elastic modulus of intact and deorganified bone were equivalent, thus the elastic
modulus was completely determined by the mineral component of bone.
Deorganification substantially reduced the ultimate stress and strain, indicating that
collagen played an important role in the failure properties of bone, particularly in
tension. The structure of the mineral phase of bone was unaltered by heating to 350° C
for two days, suggesting that heat-treated bone may be a viable bone substitute in
compressive load-bearing applications, if these results can be extended to include
fatigue loading.

2. The mechanical properties of isolated bone collagen were heterogeneous among species
and anatomical sites. Thus the choice of species and anatomical site is important when
investigating the post-yield properties of isolated collagen and intact bone.

3. The amount of pentosidine cross-linking in human bone collagen increased with age.
Ribose treatment caused further increases in vitro and significantly altered the
mechanical properties of isolated bone collagen. Specifically, the ductility of collagen
was reduced in ribose treated samples compared to untreated controls.

4. The pentosidine level in intact bone increased with age, as it did in demineralized bone.
The ductility of intact bone was also reduced in ribose treated samples compared to

untreated controls. These results suggest that the ductility of bone is determined in large
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part by the collagen component and that the age-related decrease in the ductility of bone
is caused in part by an increase in pentosidine cross-links in bone collagen.

5. A continuum damage model of bone microstructure was developed. The model was
capable of accurately predicting the monotonic stress-strain response, and the role of
various microstructural elements in the mechanical properties of bone.

Combined, these results demonstrate that the mechanical properties of cortical bone
depend on both ultrastructure—the scale of individual collagen and hydroxyapatite
components—and microstructure—the scale of osteons, lamellae and Haversian canals.
More specifically, it has been demonstrated that the elastic modulus of bone depends
strongly on the elastic modulus of the underlying hydroxyapatite while the ductility
depends on the underlying collagen.

These results were first hypothesized by Burstein et al. (156) more than 20 years
ago, and have now been demonstrated experimentally. Furthermore, it is clear from the
experimental results that neither collagen nor hydroxyapatite exhibits stress-strain behavior
similar to intact bone, specifically the non-linear knee and strain-hardening post-yield
region are absent from both constituents. Thus the knee and post-yield regions must result
from the collagen-hydroxyapatite interface, or the structure at a higher composite level.
Since elastically deforming osteons were not capable of reproducing the stress-strain curve
of bone in the continuum damage model (elastic-plastic osteon deformation was required),
the collagen-hydroxyapatite interface must be responsible for the non-linear behavior
observed in bone. Thus a primary area of future work should be understanding this
interface—its structure and mechanical properties. A complete understanding of the
structure-function relationship of bone tissue requires knowledge of the hierarchical
composite structure of bone and how the various hierarchical levels affect mechanical

properties.
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Recommendations for future research

The results from this dissertation suggest further research in three broad areas:

experiments on cortical bone, experiments on trabecular bone, and theoretical modeling of

bone tissue.

The first suggested area of future research is additional experiments on cortical bone

tissue. These experiments have the long-term goal of understanding the relationship

between collagen and hydroxyapatite and how they determine the mechanical properties of

bone tissue. Specific experiments that should be performed include:

Determining the composition, structure, and mechanical properties of the collagen-
hydroxyapatite interface (i.e. the organic material that remained after the heat treatment
described in Chapter 3). The results of this dissertation suggest that this interface is the
key element in changing the stress-strain behavior of collagen and hydroxyapatite—
neither of which exhibits post-yield deformation—to the stress-strain behavior of

bone—which does exhibit post-yield deformation.

Determining the age- and disease-related variation in pentosidine cross-linking and the
ductility of cortical bone. The results here demonstrated that increasing pentosidine
cross-linking in vitro reduces the ductility of bone, but these results must be confirmed

for in vivo changes in cross-linking.

Measuring the monotonic mechanical properties of isolated crystals of hydroxyapatite
and collagen fibers. While the need for this information is obvious, the experiments
required are difficult. An alternative approach is to measure the mechanical properties of
a mineralized collagen fibril and determine the mechanical properties of collagen and
hydroxyapatite by creating a model of the fibril and solving the inverse problem.
Possible models include a continuum damage model, similar to that described in

Chapter 7, and a shear lag model.
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Additional experiments on cortical bone should be done to provide improved input

parameters for the theoretical model described in Chapter 7. These include:

e Measuring the monotonic mechanical properties of isolated osteons and fragments of
interstitial bone. Results from this experiment could be used to verify the mechanical

properties used in the theoretical model.

e Measuring the mechanical properties of the cement line, that is, the force-displacement
relationship for an osteon being pushed out of the surrounding interstitial bone. This
information is necessary in order to expand the theoretical model to include the cement
line as a microstructural element.

The second area of future work is experiments on trabecular bone. The most
common sites for age- and disease-related bone injuries are comprised of trabecular bone.
Therefore, the now-established relationship between collagen cross-linking and the
mechanical properties of cortical bone should be extended to trabecular bone specimens and
then, whole vertebral bodies. Once the role of cross-linking is understood for trabecular
bone, new assays of bone quality and new drug treatments that maintain or improve the
ductility of bone may be possible.

The third area of future work is theoretical modeling of bone tissue. Specifically,
the continuum damage model described in Chapter 7 should be expanded to include
additional microstructural features like cement lines, porosity in the interstitial bone and
individual lamellae. Similar models, with a smaller size scale, should then be developed to
understand the interactions between collagen and hydroxyapatite, and the role of
ultrastructural parameters like collagen cross-linking and hydroxyapatite crystal size and
orientation. Models of collagen, hydroxyapatite and their interface are particularly
important, as they may aid in determining the mechanical properties of these elements by
solving the inverse problem.

Research in these three areas shares a common goal of improving our

understanding of how the composite structure of bone affects its mechanical properties.
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While each of these areas of research is independent, it is important to consider results from
all three areas in toto, as this will provide the most insight into the structure-function

relationship of bone.
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Appendix A. Using the load frame LVDT to
measure strain in demineralized cortical bone

specimens
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A soft-tissue extensometer' was used to measure strain directly from demineralized
bone specimens in the experiments described in Chapter 4 and Chapter 5. The soft-tissue
extensometer was accurate when compared to a traditional clip-on style extensometer while
both were attached to a plastic sample, but the soft-tissue extensometer separated from
some of the demineralized bone specimens during tension tests. The displacement
measured from the load frame LVDT was therefore used in addition to the soft-tissue
extensometer in order to calculate strain in the demineralized bone specimens. This
appendix describes the procedure used to calculate strain using the soft-tissue extensometer
and the load frame LVDT.

Displacement was recorded for each mechanical test using the soft-tissue
extensometer and the load frame LVDT. Extensometer is a misnomer, as it actually
measured displacement and not strain. Extensometer-measured strain was calculated by
dividing the displacement data by the gage length of 5 mm. After recording load-
displacement data (Figure A.1), the displacement measured with the LVDT was scaled to
match the displacement measured with the soft-tissue extensometer (Figure A.2) using the

equation:

5 extensometer
5 LVDT - adjusted __
i =

5;VDT (l)

é LVDT '

where §-"°T-4d is the i* adjusted LVDT-measured displacement value, 8***™* and
5T are the average extensometer- and LVDT-measured displacements in the region that
the extensometer was attached to the specimen, respectively, and §,*”" is the i original
(unadjusted) LVDT-measured displacement value. After scaling the LVDT displacement
data, strain was calculated by dividing the scaled data by the gage length of the soft-tissue

extensometer (5 mm), that is:

! Model 632.29¢-30, MTS Corp., Eden Prarie, MN.
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6 LVDT -adjusted
Lvor _ Vi

£ _—
! gage length

(2

where &7 is the strain calculated from the LVDT-measured displacement data. Stress-

strain curves were then plotted using the strain calculated from the load frame LVDT
(Figure A.3).
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Figure A.1. Typical load displacement plot for demineralized cortical bone specimen. The
extensometer was accurate initially, but separated from the specimen. The displacement
data measured from the load frame LVDT was scaled to match the initial soft-tissue
extensometer data. Note that the two devices measured displacement over different gage
lengths: 5 mm for the soft-tissue extensometer and approximately 20 mm for the load frame

LVDT.
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Figure A.2. Load-displacement plot with the displacement measured from the load frame

LVDT scaled to match the soft-tissue extensometer data. This changes the effective gage
length of the load frame LVDT data to 5 mm.
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from O to about 2% strain.
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Appendix B. Age related variation in the
mechanical properties of demineralized and intact

bone
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Introduction

The aim of this appendix is to describe the age-related variation in the mechanical
properties of demineralized and intact human cortical bone. The comparison between
untreated and ribose-treated samples of demineralized and intact human femoral bone
demonstrated that artificially increasing pentosidine levels decreased the ductility of both
materials (Chapters 5 and 6, respectively). But the role of natural, age-related increases in
pentosidine level has not been determined. The data presented here are taken from the
control groups of the experiments described in Chapter s 5 and 6.

Methods

The specimen preparation, mechanical testing and data reduction were described in
detail previously (Chapters 4-6). Briefly, for the demineralized bone: 10 specimens of
demineralized human femoral cortical bone (from 10 cadavers aged 49 to 84 years;
mean £ SD of 69 + 14 years) were tested to failure in tension at approximately
0.3%/second; and for the intact bone: 12 specimens of human femoral cortical bone (from
12 cadavers aged 49 to 85 years; mean + SD of 68 + 13 years) were tested to failure in
tension at approximately 0.1%/second. Mechanical properties were plotted against age and
regression analysis was performed to determine age-related changes in mechanical
properties.

Results

In the demineralized bone, elastic modulus and ultimate stress decreased with age
by approximately 50 MPa and 25 MPa per decade of life, respectively (r> = 0.54 and
p < 0.02 for both regressions; Figures B.1 and B.2). Strain-to-failure was not correlated
with age in the 35 year age range investigated (p = 0.33; Figure B.3). Summary statistics
for all mechanical properties for demineralized bone were reported previously (Chapter 5)

and are repeated here for convenience (Table B.1).
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For the intact bone, no significant correlations were observed between any
mechanical property (elastic modulus, yield stress and strain, ultimate stress, strain-to-
failure and post-yield strain) and age in the 36 year age range investigated (r* < 0.16;
p > 0.20 for all regressions; Figures B.4-B.6). Converting the abscissa to a logarithmic
scale did not result in significant regressions. Thus, all mechanical properties can be
described by a mean and standard deviation (Table B.2).

Discussion

The absence of any linear relationships between mechanical properties and age is
surprising but can be explained quite simply. The age-related variation in the mechanical
properties of bone are widely reported (10, 17, 19, 23, 190-194). The most probable
reasons for the lack of mechanical property-age correlations here is the small size of the
data set and the short age range spanned by the set. Most investigators who have measured
age-related variations have examined more than 100 specimens (e.g. 178 femoral
specimens from 33 cadavers (23) and 235 femoral specimens from 47 cadavers (19)) that
span a larger age range (e.g. 21-86 years (23) and 20-102 years (19)) than that included
here. In the earlier study, in which mechanical properties are listed by decade of the donor
at the time of death, elastic modulus, yield stress and ultimate stress do not vary between
ages 50 and 79, but rather, the downward trend is observed only when the younger (20-
50) and oldest (80-89) age groups are included in the comparison(23). Thus, had these
authors been limited to the age range included in this study (49-84 years) they would not
have been able to demonstrate the age-related variations in the mechanical properties of
bone. Additionally, a more recent study, reported no significant relationship between elastic
modulus and age (19) suggesting that the very small decrease reported previously (-1.5%
per decade of life; (23)) was erroneous. The results for elastic modulus reported here
therefore agree with previous findings. The lack of a relationship between other mechanical

properties and age in this data set is thus due to low sample size and statistical power.
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Table B.1. Mechanical properties of demineralized human femoral cortical bone from 10

cadavers aged 49 to 84 years.

Mechanical Property Value

Elastic Modulus (MPa) 277 £ 92

(184-475)
Ultimate Stress (MPa) 14.0 £ 4.6
(8.7-22.4)
Strain-to-failure (%) 8.1+1.3
(6.4-10.1)

All values are mean * SD (range).
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Table B.2. Mechanical properties of intact human femoral cortical bone from 12 cadavers

aged 49 to 85 years.
Mechanical Property Value
Elastic Modulus (GPa) 177t 1.5
(14.6-19.4)
Yield Stress (MPa) 66.8 £ 7.7
(49.8-75.8)
Yield Strain (%) 0.41 £ 0.03
(0.35-0.44)
Ultimate Stress (MPa) 95.0 + 5.6
(86.0-102.9)
Strain-to-failure (%) 1.63 + 0.54
(0.96-2.5)
Post-Yield Strain (%) 1.23 £ 0.54
(0.56-2.2)

All values are mean £ SD (range).
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Figure B.1. Elastic modulus of demineralized human femoral cortical bone vs. age. Elastic

modulus decreased by nearly 50 MPa per decade of life.
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Figure B.2. Ultimate stress of demineralized human femoral cortical bone vs. age. Ultimate

stress decreased at a rate of 24 MPa per decade of life.
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Figure B.3. Strain-to-failure of demineralized human femoral cortical bone vs. age. The

average value was 8.1% and did not change significantly with age (p = 0.33).
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Figure B.4. Elastic modulus of intact human femoral cortical bone vs. age. The average

elastic modulus was 17.7 GPa, and did not change significantly with age.
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Figure B.5. Yield and ultimate stress of human femoral cortical bone vs. age. The average
values were 66.8 MPa and 95 MPa respectively. Neither parameter changed significantly
with age (p =0.99 and p = 0.42, respectively).
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Figure B.6. Yield strain and strain-to-failure of human femoral cortical bone vs. age. The

average values were 0.41% and 1.63% respectively. Neither parameter changed

significantly with age (p =0.95 and p = 0.20, respectively).
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Appendix C. Variation in the mechanical
properties of demineralized and intact bone

associated with pentosidine cross-linking
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Introduction

The aim of this appendix is to describe how non-enzymatic pentosidine cross-
linking affects the mechanical properties of demineralized and intact human cortical bone.
The data presented here are taken from the control groups of the experiments described in
Chapter s 5 and 6. It has been demonstrated that increasing pentosidine levels in vitro alters
the mechanical properties, specifically the ductility, of both demineralized and intact bone.
While the relative in vitro increases in the pentosidine level of intact bone was
approximately the same as the in vivo age-related increase, the average age of the cadavers
used was high (68 years) and thus the absolute change was much larger than can be
expected in vivo. The next step in demonstrating the role of non-enzymatic cross-linking in
the mechanical properties of bone is to determine how pentosidine levels within the in vivo
range affect the mechanical properties of bone. Towards this end, regression analysis was
used to quantify how mechanical properties change with in vivo pentosidine levels in
demineralized and intact human cortical bone.

Methods

The specimen preparation, mechanical testing and data reduction were described in
detail previously (Chapters 4-6). Briefly, for the demineralized bone: 10 specimens of
demineralized human femoral cortical bone (from 10 cadavers aged 49 to 84 years;
mean + SD of 69 £ 14 years) were tested to failure in tension at approximately
0.3%/second; and for the intact bone: 12 specimens of human femoral cortical bone (from
12 cadavers aged 49 to 85 years; mean + SD of 68 + 13 years) were tested to failure in
tension at approximately 0.1%/second. The amount of pentosidine cross-linking was
measured using HPLC. Regression analysis was used to determine the relationship

between mechanical properties and pentosidine level.
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Results

For the demineralized bone, both elastic modulus and ultimate stress decreased with
increasing pentosidine level (r*=0.64; p=0.005 for elastic modulus; Figure C.1;
r’ =0.55; p=0.013 for ultimate stress; Figure C.2). Surprisingly, strain-to-failure did
not depend on pentosidine level (Figure C.3) even though it did decrease with in vitro
increases in pentosidine cross-linking (Chapter 5).

For the intact bone, no significant correlations were observed between any
mechanical property (elastic modulus, yield stress and strain, ultimate stress, strain-to-
failure and post-yield strain) and age in the 36 year age range investigated (r* < 0.16;
p 2 0.20 for all regressions; Figures C.1-C.3).

Discussion

Since age and pentosidine level were correlated (Figures 5.1 and 6.1) the

discussion for this appendix is included in Chapters 5 and 6 and Appendix B.
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Figure C.1. Elastic modulus of demineralized (top) and intact (bottom) human femoral
cortical bone vs. pentosidine level. For the demineralized bone, elastic modulus decreased
with increasing pentosidine cross-link density (p = 0.005). For the intact bone, the
average elastic modulus was 17.7 GPa, and did not change significantly with age

(p = 0.92).
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Figure C.2. Ultimate stress of demineralized human femoral cortical bone (top) and yield
and ultimate stress of human femoral cortical bone (bottom) vs. pentosidine level. For
demineralized bone, ultimate stress decreased with increasing pentosidine cross-link
density (p = 0.013). For the intact bone, neither yield nor ultimate stress was related to
cross-link density (p=0.25 and p =0.88, respectively); the average values were
66.8 MPa and 95 MPa, respectively.
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Figure C.3. Strain-to-failure of demineralized human femoral cortical bone (top) and yield
strain and strain-to-failure (bottom) of human femoral cortical bone vs. pentosidine level.
None of the parameters changed significantly with pentosidine cross-linking level

(p > 0.20). The average values were 8.7%, 0.41% and 1.63% respectively.
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Appendix F. Standard operating procedure for

ashing cortical bone
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University of California Berkeley
Orthopaedic Biomechanics Laboratory
Standard Operating Procedure
Ashing Cortical Bone

Date: 10-27-95

Author: Joseph Catanese III

Principle Investigator: Tony M. Keaveny

Summary: This document outlines the protocol for ashing cortical bone specimens. The
ashed specimens can then be weighed (for calculating ash density).

Key Words: cortical bone, ashing, ash weight, furnace

Materials: dry cortical bone specimens, crucible boats, furnace (Thermolyne 1300)

Place dry specimen in a labeled, dry, clean crucible boat.

Place crucible boat in furnace with furnace at room temperature (turned off).
Close furnace door.

Turn furnace on.

Set furnace temperature to 700° C.

Allow specimen to remain at 700° C for 18 hours.

Open furnace and allow furnace to cool for one hour.

I T Y

Carefully remove crucible and specimen. Note that specimens will be extremely brittle.
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Appendix G. Standard operating procedure for

decalcifying cortical bone
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University of California Berkeley
Orthopaedic Biomechanics Laboratory

Standard Operating Procedure
Decalcifying Cortical Bone
Date: 10-27-95

Author: Joseph Catanese III

Principle Investigator: Tony M. Keaveny

Summary: This document outlines the protocol for decalcifying cylindrical cortical bone
specimens. The decalcified bone specimens can then be weighed (for calculating organic
content) or prepared for mechanical testing.

Key Words: cortical bone, declacification, hydroxyapatite removal, collagen, EDTA

Materials: cortical bone samples, buffered EDTA solution, plastic specimen vial,
refrigerator, paraffin wax, oven, 100 ml beaker

I. DECALCIFICATION PROCEDURE

1. Melt dental or paraffin wax.

2. Cover each end of specimen in wax (Jonas ef al., 1993). For mechanical testing, a minimum
of 10 mm must be covered on each end to allow for end capping or gripping on the test
machine.

3. Allow wax to dry completely, approximately 20 minutes.

4. Submerse sample in 19% (0.5 M) solution of EDTA at 4°C (Jonas et al., 1993). To maintain a
solution to specimen volume ratio of 15:1, 3.5 ml of solution should be used for each sample
(Kiviranta et al., 1980). Solution does not need to be shaken or stirred (Kiviranta et al.,
1980).
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5. Replace EDTA solution with fresh solution every 24 hours for 10 days (Jonas et al., 1993).
6. After 10 days, rinse sample with isotonic saline solution and then submerse in isotonic saline
solution for 24 hours at in refrigerator at 4°C.

I. PREPARING 19% (0.5M) ETDA SOLUTION

. Mix 0.1 Mole of Tris HCI buffer in 1 L of deionized H20.

1

2. Add NaOH tablets until pH is raised to 8 or 9.

3. Add 0.5 Moles of EDTA to solution and stir. This will cause the pH to drop.

4. Add NaOH until pH is restored to 7.4-7.6 and all solids are dissolved.

5. Add 0.01g (1%wt/volume) Sodium Azide (NaN,) to solution and stir.

Note: Molecular weights are listed on the chemical jars. Some are listed as "F.W." (formula
weight).

I. PREPARING ISOTONIC SALINE SOLUTION

1. Mix 26.31g NaCl to 3 L deionized H,O
2. Add 0.03g (1%wt/volume) Sodium Azide (NaN 3) to solution and stir.

I. REFERENCES

Hasegawa, K. B., D.B.; Turner, C.H. (1994). Contribution of Collagen and Mineral to
Anisotropy of Osteonal Bone. 40th Transactions of the Orthopaedic Research
Society, 54, 10.

Jonas, J., Burns, J., Abel, E. W., Cresswell, M. J., Strain, J. J., & Paterson, C. R.
(1993). A technique for the tensile testing of demineralised bone. J Biomech,
26(3), 271-6.

Kieman, J. A. (1981). Histological and Histochemical Methods. Oxford: Pergamon Press.

Kiviranta, 1., Tammi, M., Lappalainen, R., Kuusela, T., & Helminen, H. J. (1980). The
rate of calcium extraction during EDTA decalcification from thin bone slices as

assessed with atomic absorption spectrophotometry. Histochemistry, 68(2), 119-
217.

Walsh, W. R. (1990). Electrokinetic and Mechanical Properties of Bone. Ph.D. Thesis,
Rutgers.
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Appendix H. Standard operating procedure for

deorganifying cortical bone
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University of California Berkeley
Orthopaedic Biomechanics Laboratory

Standard Operating Procedure
Deorganifying Cortical Bone
Date: 10-27-95

Author: Joseph Catanese III

Principle Investigator: Tony M. Keaveny

Summary: This document outlines the protocol for deorganifying cortical bone
specimens. The deorganified bone specimens can then be weighed (for calculating ash
density, or amount of organic material removed) or prepared for mechanical testing.

Key Words: cortical bone, deorganification, ash weight, furnace, collagen removal

Materials: dry cortical bone samples, crucible boats, furnace (Thermolyne 1300)

Place dry specimen in a labeled, dry, clean crucible boat.

Place crucible boat in furnace with furnace at room temperature (turned off).
Close furnace door.

Turn furnace on.

Set furnace to 150° C.

Wait one hour for furnace and specimen to reach temperature.

Set furnace to 165 °C.

Wait 15 minutes for furnace and specimen to reach temperature.

Repeat furnace adjustments in 15° C increments every 15 minutes until a final
temperature of 350° C is reached.

10. Allow specimen to remain at 350° C for 72 hours.

© PN R W
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11.

12.

13.
14.

Reduce temperature in furnace in 15° C increments every 15 minutes until a final
temperature of 150° C is reached.

Turn furnace off and allow to cool for two hours (to room temperature) with the door
closed.

Open furnace.

Carefully remove crucible and specimen. Note that specimens will be extremely brittle.
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Appendix |. Standard operating procedure for

measuring the ash density of cortical bone
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University of California Berkeley
Orthopaedic Biomechanics Laboratory

Standard Operating Procedure
Measuring the Ash Density of Cortical Bone

Created: October 27, 1995
Modified: February S5, 1997

Author: Joseph Catanese, III

Principle Investigator: Tony M. Keaveny

Summary: This document outlines the protocol for measuring ash density of cortical bone
specimens. Ash density is defined as the mass of mineral in a sample divided by the dry
weight of the sample.

Key Words: cortical bone, ashing, ash weight, ash density, oven, furnace

Materials: cortical bone specimens, crucible boats, furnace (Thermolyne 1300), oven,
thermocouple, thermocouple reader, thermometer, Mettler balance, tweezers, forceps,
crucible tongs

I. MEASURING DRY WEIGHT

1. Dry the bone specimens.

1.1 Set oven temperature to 49°C (120°F). The temperature selector dial on the oven is not
calibrated. Temperature can be read with the thermometer on top of the oven or with the
thermocouple and thermocouple reader. Getting the correct temperature requires several
adjustments and the oven needs approximately 30 minutes to reach a steady state
temperature after making an adjustment. Be sure to set the oven temperature before
preparing specimens for drying.
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1.2 Dry each specimen with gauze or an air jet.
1.3 Place each specimen in a labeled crucible boat.
1.4 Place all crucible boats with specimens into oven.

2. Measure the dry weight of each specimen.

2.1 Remove the specimens after 24 hours in the oven.

2.2 Weigh each specimen directly on the weighing pan (i.e. without the crucible) of the
Mettler balance.

2.3 Return the specimens to their crucibles and place the crucibles in the oven.

2.4 Calculate the daily change in mass using the following formula:

_ | Mass gy —Mass ooy

Amass,, = x100%.
| MaSSoqp,

2.5 Repeat steps 2.1-2.4 until the daily change in mass is less than 1% for every specimen.
The final mass recorded for each specimen is the dry mass of that specimen.

II. MEASURING ASH WEIGHT

1. Ash the specimens.

1.1 Turn furnace on and set temperature to 700°C. Furnace temperature is set by rotating
the black dial while holding the “set” button down.

1.2 After furnace has reached steady state temperature, place all crucibles with specimens
into the furnace.

1.3 After 18 hours in the furnace, remove specimens and turn furnace off.

2. Calculate the ash density of the specimens.

2.1 After one hour, carefully remove each specimen from the crucible with tweezers or
forceps and weight directly on the weighing pan of the Mettler balance. This is the ash

mass.
2.2 Calculate ash density for each specimen using the following formula:
mass
Doy = ——2 % 100%.
mass dry

Note: For cortical bone, ash density should be between 68% and 72%.
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