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ABSTRACT

Osteochondral tissue modeling of damage, poroelasticity, and

remodeling in osteoarthritis

Stender, Michael Eric (Ph.D. Mechanical Engineering)

Thesis directed by Associate Professor Virginia L. Ferguson

Arthritis is the most costly disability in the United States annually incurring
billions of dollars in treatment costs and lost wages. Osteoarthritis, a classification of
arthritis, affects articulating synovial joints (e.g., hip, knee, shoulder) and results in
moderate to severe pain. In extreme cases, osteoarthritis causes loss of joint mobility.
Presently, there is not a clear understanding of how osteoarthritis initiates,
propagates, and ultimately degrades the mechanics of healthy synovial joints. This
doctoral work uses computational modeling techniques and finite element analysis to
elucidate the initiation and evolution of osteoarthritis with the ultimate goal of
contributing to improved clinical treatments. The first project was to develop a
damage model for articular cartilage, the tissue lining the contact surfaces of synovial
joints. An articular cartilage damage model was developed with the capability to
model 3-D fully anisotropic damage including complete tissue tensile failure and

progressive damage to critical structural elements. The second project was to develop
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a model of the complete bone-cartilage unit including poroelastic material behavior
(ie., solid-fluid interactions during loading of porous materials). This model
demonstrated differences in poroelastic behavior between normal and osteoarthritic
joint tissues and suggested that alterations in fluid flow patterns as a result of
osteoarthritis may lead to increasingly diminished joint health. The final project
integrated the first and second projects with a previously developed bone remodeling
algorithm to study the initiation and progression behavior of osteoarthritis. This
model showed that while articular cartilage damage and bone remodeling may
mitially as independent processes, they likely become interdependent as
osteoarthritis progresses. Overall, these results improve our understanding of the in
vivo mechanics of osteoarthritis initiation and progression and may guide future
experimental and computational studies with the ultimate goal of improving clinical

outcomes for osteoarthritis patients.
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CHAPTER 1

INTRODUCTION

1.1 Background

The bone-cartilage unit, a phrase first coined by Lories & Luyten (2010),
contains a large degree of structural and compositional complexity over relatively
small length scales compared to traditional engineering problems. The bone-cartilage
unit can be divided into six differential tissue zones defined from the articular surface
as: the superficial zone of articular cartilage, the middle zone of articular cartilage,
the deep zone of articular cartilage, the zone of calcified cartilage, subchondral
cortical bone and trabecular bone (Figure 1). In vivo, the sizes and orientations of the
differential tissues of the bone-cartilage unit vary with anatomical location (Ferguson
et al, 2003; Li & Aspden, 1997; Milz et al, 1995). The variation in size and orientation
of tissues in the bone-cartilage unit likely depends on loading conditions and patient-
specific joint architecture. For example, the thickness of the subchondral cortical bone
in the healthy human patella can vary from 100 pm to 2000 um, and is likely thicker
in regions of higher loading (Milz et al., 1995; Norrdin et al., 1999). Calcified cartilage
thickness can also vary with location and disease state (Burr, 2004). In the human
spine collagen fibril insertion angle as well as calcified cartilage thickness vary again

likely due to the loading profile at a given location (Paietta et al, 2013). Articular
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cartilage composition, structure, and mechanical response can change based on depth
from the articular surface (Aspden & Hukins, 1981; Schinagl et a/, 1997; Chen et al.
2001; Chen et al. 2007) and location and disease state (Mononen et al., 2010, Mononen
et al., 2012; Temple-Wong et al 2009). The variations inherent within the bone-
cartilage unit coupled with the small length scales make comprehensive experimental

assessment particularly challenging.

— Superficial Zone ——

Articular Cartilage Middle Zone —4m8 —

1-5mm
— Deep Z0he ————e,
Calcified Cartilage — [ b 10-200 pm
Subchondral 1-6 mm

Cortical Bone

Subchondral
Trabecular Bone

Figure 1. Illustration of an infinitesimal 2D slice of the bone-cartilage unit showing six
differential tissue zones. Lines represent general orientation of type II collagen fibrils. Note
the insertion of deep zone collagen fibrils into the calcified cartilage.

A primary goal of tissue engineering and other osteoarthritis treatment
strategies 1s to regenerate surface cartilage to restore joint functionality, yet no

technique has been able to successfully regenerate articular cartilage in clinical



studies (Gomoll et al 2010). It is becoming increasingly apparent that the primary
pathology of synovial joints, osteoarthritis, is a disease of the complete bone-cartilage
unit, rather than a disease of solely articular cartilage (Brandt et a/ 2006; Burr and
Gallant 2012). Emerging osteoarthritis treatment strategies appear to focus on
complete osteochondral grafts (Chan et al, 2012; Gautier et al, 2002) rather than
replacement of one particular tissue. Contemporary tissue engineering of more
complete osteochondral-mimetic units incorporating continuous material and
chemical gradients (Mohan et al,, 2011), a calcified cartilage-like region (St-Pierre et
al 2012), a bone like region (Kitahara et al 2008) or bilayer tissue scaffolds with
differential moduli (Zhang et al. 2013) are increasingly popular. Although many of
these osteoarthritis treatment strategies offer promising potential, there remains
insufficient knowledge of the underlying mechanics of the osteochondral interface,
and the complete bone-cartilage unit to successfully engineer bio-mimetic
osteoarthritis treatments.

A limited amount of traditional mechanical tests have been performed with the
aim of defining the mechanical response of calcified cartilage, subchondral cortical
bone, and subchondral trabecular bone. Three point bending tests of 100-1000 um
thick samples of subchondral cortical and trabecular bone were used to establish
elastic modulus values (Choi et a/ 1990). Li and Aspden (1997) tested subchondral
cortical bone from healthy and osteoarthritic samples in unconfined compression
determining that osteoarthritic subchondral cortical bone tissue was stiffer and had

a higher yield strength and apparent density compared to healthy bone. Three point
3



bending techniques were also applied to composite beams of subchondral cortical bone
with and without a layer of calcified cartilage to determine the elastic modulus of
calcified cartilage (Mente & Lewis, 1994). Furthermore, Choi et al. (1990) and Mente
and Lewis (1994) have established that subchondral cortical bone is less stiff when
compared to cortical bone. Nanoindentation studies have recently been applied to
establish the micro scale indentation response of calcified joint tissues (Campbell et
al. 2012; Ferguson et al, 2003; Hauch et al, 2009), yet such measurements are
subject to variations in sample preparation and therefore fail to provide an absolute
measurement of mechanical properties. The anisotropic properties of cortical bone
have been well established at macroscopic (Reilly & Burstein 1974) and micro length
scales (Fan et al, 2002; Carnelli et al, 2011) including post elastic micro scale
behavior (Carnelli et al, 2013). However, whether or not there exists an anisotropic
mechanical response of subchondral cortical bone, or calcified cartilage has not been
established experimentally. Further experimental work may in the future elucidate
the specific mechanical responses of calcified cartilage, subchondral cortical bone, and

subchondral trabecular bone.



1.2 Tissues of the Bone-Cartilage Unit

1.2.1 Articular Cartilage

Articular cartilage exists at the interface between opposing joint surfaces and
provides a low-friction load-bearing surface that is essential to the overall function of
the bone-cartilage unit. The solid matrix of articular cartilage is composed primarily
of two mechanically relevant constituents: type II collagen fibrils and proteoglycan
molecules (Maroudas et al, 1980; Brocklehurst et al, 1984). The collagen fibrils
contribute primarily to the tensile integrity and Poisson’s ratios of articular cartilage
(Asanbaeva et al 2008; Williams et al, 2010). Proteoglycan, or glycosaminoglycan
molecules impart an osmotic swelling pressure on the tissue (Maroudas et al 1981;
Asanbaeva et al.,, 2007; Williams et al. 2010). Additional constituents make up a small
volume fraction of the cartilage solid matrix including cartilage cells, or chondrocytes,
additional proteins, type IV collagen fibrils, and other charged molecules (Kuettner
1992; Williamson et al. 2001). Patellar cartilage has been found to deform 3%-20%
from equilibrium conditions after being subjected to walking and heavy loading
(Eckstein et al., 2006; Van de Velde, 2009). After sustained running loading, articular
cartilage was found to exhibit a decrease in volume one hour following activity in all
parts of the knee joint when compared to one hour prior to the run (Kersting et al,
2005). During joint loading and articulation, shear strain of a magnitude of roughly

20-25% at surface decreased rapidly with depth from the articular surface to roughly



0% with no noticeable stress relaxation effects (Wong et al, 2008). Despite the
complex properties and mechanical response of articular cartilage, it is a tissue
essential to the proper functioning of the bone-cartilage unit.

Arguably, the ability of articular cartilage to resist compressive forces
developed during skeletal movement is the most essential function of the tissue.
Many models have been proposed and experiments conducted with the intention of
understanding the compressive resistance and inherent osmotic pressure of healthy,
damaged, diseased and altered articular cartilage. Proteoglycan molecules in
articular cartilage provide resistance to both compressive loading (Maroudas et al,
1981; Chen et al, 2007) and fluid flow (Maroudas et a/, 1968) and contribute to the
overall capability of articular cartilage to resist compressive loads. Continuum
electrochemical models of proteoglycan interactions have emerged as the primary
means of modeling the compressive response and osmotic swelling pressure of the
proteoglycan constituent of articular cartilage. The Donnan model which requires no
assumption of molecular structure, but calculates an osmotic pressure based on the
molecular fixed charge density (Overbeek, 1956) has been applied to calculate osmotic
pressure in cartilage (Buschmann & Grodzinsky, 1995; Olsen et al, 2004; Setton,
1998). A modification to the Donnan model was proposed by Buschmann and
Grodzinsky (1995) wherein an additional term accounts for the molecular shielding
of the proteoglycan molecules by adjacent proteoglycan molecules. The Poisson-
Boltzmann unit cell electrochemical model which accounts for the spatially varying

electrochemical forces and requires glycosaminoglycan molecule radius and
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glycosaminoglycan intercharge distance as inputs has been shown to agree more
closely with experimental osmotic pressure results for proteoglycans than either the
Donnan, or the modified Donnan models (Buschmann and Grodzinsky 1995).
Presently, the most accurate predictor of the electromechanical forces in articular
cartilage is the Poisson-Boltzmann unit cell model (Buschmann & Grodzinsky 1995).
Implementation of the Poisson-Boltzmann unit cell model in the context of a finite
element analysis of articular cartilage is outlined by Stender et a/, (2012). These
results provide a link between molecular scale interactions and continuum scale
response essential to understanding the compressive response of articular cartilage.

Modeling of the anisotropic collagen fibril network of articular cartilage has
received a great deal of attention due to the complexities, and importance of the
collagen fibril network to the mechanical response of articular cartilage in tensile
loading. In general, articular cartilage modeling studies that employ distinct stress
constitutive equations for the collagen fibril network, rather than higher level
material assumptions fall into three classes. The first class uses a discrete number of
fibers defined explicitly (Bursac et al, 2000; Thomas et al, 2009), while the second
employs a structural fiber reinforced finite element analysis (Li et aZ, 1999; Wilson
et al., 2004; Wilson et al., 2005). The third class of collagen fibril models implement
continuum theories implementing a continuous fibril distribution (Lei & Szeri, 2006;
Ateshian et al, 2009; Stender et al, 2012). The recent continuum theory model for
the collagen fibril network of articular cartilage, developed by Shirazi et al, (2011),

accounts for experimentally measurable collagen fibril orientations and collagen fibril
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tissue volume fraction as model input parameters and allows complete control of the
spatial fiber distribution. The spatial distribution and modulus of type II collagen
fibrils in articular cartilage have been shown to have significant effect on the
mechanical response of articular cartilage in joint modeling studies (Mononen et a/
2010; Mononen et al, 2012). These recent advances in collagen fibril network
modeling have enabled an unprecedented capability and level of detail in collagen
fibril modeling, and consequently the overall mechanics of articular cartilage.
Studies of soft biological tissues have suggested that the additional
components of the solid matrix of articular cartilage, including chondrocytes, may
contribute to the mechanical and electromechanical responses of articular cartilage
tissue (Buschmann & Grodzinsky, 1995; Ehrlich et al, 1998; Chahine et al, 2005).
The specific response of these additional constituents of articular cartilage, referred
to here as the ground substance matrix, has not been directly determined
experimentally. Previously, a Neo-Hookean material model was used to model the
behavior of an individual chondrocyte (Baaijens et al, 2005), and Neo-Hookean
material models have been used to model the ground substance matrix of other
tissues including arteries (Veress et al, 2002; Holzapfel, 2006) and articular cartilage
(Stender et al, 2012). Stender et al, (2012) showed that the inclusion of a ground
substance matrix of articular cartilage helps to improve convergence properties of
numerical models. Thus, the inclusion of the mechanical response of constituents
other than collagen fibrils and proteoglycans appears to be a relevant and

advantageous methodology.



The growth, degradation, and remodeling mechanisms of articular cartilage
tissue are still not well understood today. /n vitro culture in chemical growth factors
have been observed to play a role in the matrix modulation and, consequently, the
mechanical response of articular cartilage explants (Asanbaeva et al, 2007; Ficklin
et al., 2007; Williams et al, 2010; Balcom et al, 2012). An initial theoretical study
considered the independent growth and evolution of proteoglycan and collagen
constituents in developing articular cartilage (Klisch et al, 2003). Another finite
element model studied the effects of differential growth triggers such as fluid velocity
in unconfined compression in initiating an isotropic growth response in articular
cartilage tissue (Davol et al, 2007). Furthermore, a collagen fibril remodeling
simulation has been conducted to determine the effect of differential loading
conditions on collagen fibril orientations (Wilson et al, 2006). Further work to
establish relevant numerical models of articular cartilage damage may help to better
understand the initiation and progression of osteoarthritis.

In vivo, articular cartilage exists as a saturated tissue and thus exhibits a
poroelastic response and diffusive properties that are dependent on the permeability
of the tissue when subjected to mechanical loading (Maroudas et al, 1968).
Additionally, articular cartilage exhibits a strain dependent permeability that was
first established in a theoretical framework by Lai et a/ (1980), and later extended
to finite strain (Holmes and Mow 1990). Unlike traditional permeability studies
applied to soils and other geomaterials where pore size, shape, and connectivity

primarily define material permeability, the electrochemical properties of
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proteoglycans provide the primary resistance to fluid flow through articular cartilage
(Maroudas et al., 1968). Additional studies have determined that the collagen fibril
organization and the solid matrix structure may also play a role in the permeability
properties of articular cartilage (Federico and Herzog 2007). The fluid pressure inside
cartilage during confined compression loading has been measured experimentally
using piezoelectric transducers. It was discovered that for loading durations up to 725
seconds in stress relaxation and 404 (sec) in creep loading, fluid pressure alone reacts
more than 90% of the applied load (Soltz and Ateshian 1998). Experimentally,
cartilage has demonstrated a decreasing permeability with increasing depth from the
articular surface (Chen et al, 2001, 2007; Williams et al, 2010). Undoubtedly, the
complex poroelastic properties of the solid matrix of articular cartilage play a
significant role in joint mechanics, particularly for short (i.e., less than 600 seconds)
duration loading.

The determination of elastic Young’s modulus of collagen fibrils in articular
cartilage is complicated by the difficulty, using current methods, of experimentally
measuring the elastic Young’s modulus of type II collagen fibrils. Experimental
testing of type I collagen fibers, that are structurally different from type II collagen
fibrils, has established the elastic modulus of type I cartilage from the bovine Achilles
tendon at roughly 430 MPa (Sasaki and Odajima 1996). An early estimate of the
modulus of type II collagen fibrils in articular cartilage was 1-2 GPa (Elden, 1968).
Because type II collagen fibril modulus cannot reliably be measured experimentally,

modeling studies have sought to quantify the mechanical response of type II collagen
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fibrils. Modeling studies have applied continuum mixture models fit to macroscopic
mechanical tests to determine the elastic modulus of type II collagen fibrils. Lei &
Szeri (2006) performed a parameter study to determine the response of differing
collagen fibril orientations and estimated the true modulus of articular cartilage
collagen fibrils at 625 MPa. Linear strain dependent (Li et a/, 1999, 2000) and
viscoelastic (Wilson et a/, 2004; Wilson et al., 2005; Julkunen et al., 2008) models of
independent type II collagen fibril response have also been proposed. A recent study
established that the modulus of collagen fibrils in articular cartilage varied with
depth increasing from the articular surface and fell between 175 MPa in the
superficial layer and 422 MPa in the middle layer of newborn bovine articular
cartilage (Stender et al, 2012). Although there is not presently a precise consensus,
estimates of the type II collagen fibril modulus in articular cartilage generally fall
between 75 and 654 MPa (Farquhar et al, 1990; Schwartz et al., 1994; Soulhat et al.,
1999; Shirazi and Shirazi-Adl 2005; Lei & Szeri, 2006; Quinn and Morel 2007;
Stender et al, 2012). Molecular computational modeling studies have suggested that
type II collagen fibrils are capable of attaining large deformations between 15% and
45% (Buehler, 2007; Buehler & Ackbarow, 2008; Gautieri et a/, 2011). An additional
molecular modeling study examined the failure behavior of collagen fibrils showing
that structural fibril parameters such as fibril length, fibril diameter, and cross link
density had an effect on fibril failure properties in uniaxial stress in tension (Tang et
al, 2010). An experimental study using self-assembled uncrosslinked type I collagen

fibers found fiber failure strains between 24% and 68% strain (Pins et al, 1995).
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There currently exists no concise description of the failure behavior or the failure

strain of type II collagen fibrils.

1.2.2 Calcified Cartilage

Another tissue that is critical for the mechanical function of the bone-cartilage
unit is calcified cartilage. Calcified cartilage forms a transitional zone that exists
between articular cartilage and the subchondral bone at the osteochondral interface.
The calcification of cartilage tissue is due to the deposition of calcium salts in the
extracellular matrix resulting in a calcified tissue that is composed primarily of 3
constituents; 1) inorganic molecules including hydroxyapatite, 2) collagen fibrils, and
3) other organic molecules (Scherft 1968). It has been hypothesized that the insertion
and anchoring of deep zone articular cartilage collagen fibrils into calcified cartilage
helps to provide mechanical robustness at the osteochondral interface between
unmineralized and mineralized tissue (Benninghoff, 1925; Aspden & Hukins, 1981;
Paietta et al, 2013). It has been observed that the thickness of the zone of calcified
cartilage varies with location in the human spine (Paietta et al, 2013) and in human
Patellae (Milz et al, 1995) likely depending on the loading conditions at specific
anatomical sites. Hwang et al. (2010) studied the development of calcified cartilage
tissue in 1-3 week old bovine samples finding that calcification takes place only in the
deep zone of articular cartilage and results in a stiffer tissue post calcification.
Subchondral bone remodeling has been observed to extend into the zone of calcified

cartilage, specifically in areas of higher loading in equine carpal bones (Norrdin et
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al, 1999). Although calcified cartilage appears to be of critical importance to the
function of the osteochondral interface, it is not possible to separate the calcified
cartilage from subchondral bone (Mente and Lewis 1994) making conventional
mechanical tests impossible. Additionally, calcified cartilage tissue has a small
thickness (10-200 um) and an irregular geometry (Paietta et al, 2013) making it very
difficult to harvest samples appropriate for mechanical testing. Because of these
difficulties, independent study of the mechanical properties of calcified cartilage is
not possible using conventional methodology.

Researchers currently believe the elastic modulus of calcified cartilage to be
roughly an order of magnitude less than the modulus of subchondral bone, or 0.32
GPa (Mente and Lewis 1994). In Mente and Lewis (1994), the modulus of calcified
cartilage was determined by testing beam samples of only subchondral bone and
composite beams of subchondral bone and attached calcified cartilage in three point
bending. Linear elastic beam theory was used to calculate the modulus of subchondral
bone from 3 point bending force vs. displacement curves. Additionally, linear elastic
composite beam theory was applied to calculate calcified cartilage modulus by
including subchondral bone modulus and calcified cartilage thickness as input
parameters. By solving for the unknown of the calcified cartilage elastic modulus, the
linear elastic modulus of calcified cartilage was determined. Although this study uses
a clever methodology to determine calcified cartilage elastic modulus, linear elastic

material behavior with the absence of any yield criteria, anisotropy, or post-yield
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material behavior is an unlikely approximation of calcified cartilage and subchondral
bone properties.

Nanoindentation has been applied to attempt to quantify the mechanical and
structural properties of the bone-cartilage unit including calcified cartilage tissue
(Ferguson et al., 2003; Gupta et al., 2005; Hauch et al, 2009; Campbell et al, 2012).
However, these methods lack a fundamental absolute quantification of the

mechanical properties of calcified cartilage.

1.2.3 Subchondral and Trabecular Bone

Subchondral cortical and trabecular bone are stiff calcified tissues that
transmit joint loads to weight bearing bones and permit robust mechanical function
in the skeleton. Subchondral cortical bone lies adjacent to both the zone of calcified
cartilage and subchondral trabecular bone providing a stiff underlying structure of
the bone-cartilage unit. With remodeling and in osteoarthritis blood vessels are able
to penetrate into subchondral cortical bone tissue and into calcified cartilage (Hwang
et al, 2008). In the healthy bone-cartilage unit, blood vessels promote and regulate
cellular activity by transferring nutrients and signal molecules to cells and removing
waste products. In general, subchondral cortical bone is considered to be similar to
cortical bone in structure with longitudinal osteon structures that appear to lie
parallel to the articular surface. Subchondral bone is the stiffest material in the bone-
cartilage unit. However, the elastic modulus of subchondral cortical bone has been

shown to be lower than that of cortical bone from the diaphysis of a bone (Choi et a/,
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1990; Mente & Lewis 1994). Additionally it has been shown that subchondral cortical
bone modulus depends on anatomical location (Choi et al., 1990). Cortical bone from
the diaphysis of a bone has been shown to exhibit fatigue, creep and eventual failure
due to cyclical loading, with differential fracture surfaces from failure in tension or
compression (Caler & Carter, 1989; Patten et al., 1994). In vivo, subchondral cortical
bone is a hydrated tissue and thus, is subject to poroelastic effects (Cowin 1999).
Presently, no specific information on the permeability of isolated subchondral cortical
bone is available in the literature. However, values for cortical bone permeability are
well established (Cowin 1999; Baroud et aZ, 2004) including spatial variations in flow
(Uh & Watson, 2013). For the bone-cartilage unit the permeability of subchondral
bone may play a greater role in exchange and/or pressurization of fluid across the
osteochondral interface, rather than in the deformations of the subchondral cortical
bone. The interactions of fluids in the bone-cartilage unit are not well understood and
are likely to play an important role in the physiological functions of the region not
only with regards to mechanical loading, but also cell nutrition and health.
Trabecular bone is a spongy, highly porous (pore size scale ~1mm) type of bone
found at the ends long bones and in flat irregular bones. In the context of this study,
subchondral trabecular bone 1is trabecular bone that directly supports the
subchondral cortical bone beneath a joint surface. Trabecular bone continuum
mechanical properties have been shown to be mildly anisotropic, and highly
dependent on anatomical location in ultimate strength as well as modulus (Keaveny

et al., 2001). The yield strength of trabecular bone in compression depends on tissue
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density while yield behavior in tension is independent of density and anatomical site
(Kopperdahl and Keaveny 1998; Morgan and Keaveny 2001). Trabecular bone
demonstrates creep behavior typical of metals and ceramics, and cyclic fatigue in
compression that can lead to failure at sub yield stresses (Bowman et a/, 1994). Finite
element modeling has been applied to trabecular bone modeling the complexities
inherent with the structure of trabecular bone using “high resolution” finite element
models that explicitly model the structure of experimental samples (Niebur et al,
1999; Niebur et al., 2000). To eliminate the complications and computational expense
associated with high resolution trabecular bone models, the studies in this
dissertation will assume a continuum solid matrix model for trabecular bone. The
continuum assumption for trabecular bone has been discussed in detail by Harrigan
et al. (1988) concluding that further than 3-5 trabeculae away from an interface, a
continuum model is appropriate. Due to the high porosity of trabecular bone,
intratrabecular permeability (fluid flow through the structure rather than through
actual tissue) is anisotropic and depends on anatomical location (Nauman, Fong, and
Keaveny 1999). Trabecular bone and its associated porous anisotropic structure is the
final tissue in the bone-cartilage unit that transfers load applied to the articular

surface to the rest of a long bone and the body.

1.3 Arthritis, the Primary Pathology of the Bone-Cartilage Unit

Arthritis 1s an extremely painful, debilitating, and expensive condition

affecting millions of patients and costing billions of dollars annually in the United
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States alone. Two types of arthritis, osteoarthritis and rheumatoid arthritis are the
primary pathologies affecting synovial joints. Osteoarthritis is a progressive
condition where the tissues of the bone-cartilage unit, including subchondral cortical
bone and articular cartilage, break down over time resulting in a loss of joint function
and severe pain. Osteoarthritis can occur in any joint, but is most common in the
hands, neck, lower back, hips, and knees. Rheumatoid arthritis is an autoimmune
disease that principally attacks synovial joints, resulting in the destruction of
articular cartilage and leading to the degradation of the bone-cartilage unit,
potentially debilitating pain, and loss of joint function. Osteoarthritis is a complex
disease, and presently besides extreme traumatic injury to tissues of the bone-
cartilage unit, the precise trigger, or sequence of triggers, that lead to osteoarthritis
1s not well understood. Studies of osteoarthritis are often capable only of examining
the differences between a healthy control group and an osteoarthritic group(s) and
thus, only the resulting effects, and not the precise causes of osteoarthritis are well
understood. Increasingly, osteoarthritis is being viewed as a disease of the entire
bone-cartilage unit rather than a disease or condition of any single tissue of the bone-
cartilage unit (Burr, 2004; Brandt et al, 2006; Burr & Gallant, 2012). The changes
observed with osteoarthritis within joint tissues can be divided into two categories
the first being compositional, or chemical changes in the constituents of joint tissues,
and a second category that can be described by changes in the structure or form of
tissues in the joint. Different studies have shown that variations in either or both of

these categories can have profound effect in the load carrying capability of a healthy
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joint (Li et al, 1999; Hwang et al, 2008; Sniekers et al., 2008; Temple-Wong et al,

2009). In general, there exist two pathways to arthritis the first being traumatic

injury that either directly injures joint tissues, or an injury that dramatically changes

the loading of a joint such (Figure 2.)
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Figure 2. Diagram showing the progression of osteoarthritis following a traumatic injury
that severely damages joint tissue, and/or alters the pattern of loading in a synovial joint.
Images modified from Hwang et al (2008).

The second form of osteoarthritis induction and propagation can be attributed to long

term degradation resulting from sub threshold impulse loading (Radin et al, 1972)

wherein osteoarthritis progresses slowly rather than in a single traumatic event

(Figure 3.)
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Figure 3. Pathway of osteoarthritis progression in the absence of a traumatic initiating
event for osteoarthritis. Images modified from Burr and Gallant (2012).

The changes and evolution of joint structures with the onset and progression
of osteoarthritis are complex. To better understand early onset arthritis, one study
looked at the short term (2-14 weeks post osteoarthritis induction) effects of
osteoarthritis induction on mice knees finding that the subchondral bone plate
initially thins relative to healthy joints (up to 4 weeks) and then increases in
thickness (up to 14 weeks) (Botter et a/, 2008). Another study observed increases in
mineral content and thickness of calcified cartilage with osteoarthritis, and an
increased rate of subchondral bone turnover such that the subchondral cortical bone
becomes thicker and stiffer (Burr, 2004). Because subchondral and trabecular bone
remodeling occurs at a much greater capacity, rate, and degree compared to articular

cartilage, it has been hypothesized that for non-traumatic osteoarthritis, changes in
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bone may antedate cartilage damage and degradation (Goldring and Goldring 2010).
In a canine model of induced osteoarthritis, initial subchondral cortical bone thinning
and increased bone plate porosity were observed at 10 and 20 weeks post-induction
(Sniekers et al, 2008). Additionally, increased bone porosity, a ‘more textured
surface,” and increased osteoclast resorption pits indicating increased remodeling
activity were observed in human femoral heads from patients with osteoarthritis (Li
et al, 1999). Importantly, the hydraulic conductance of arthritic osteochondral tissue
was measured as 2,700 times greater than that of healthy patients while subchondral
plate only hydraulic conductance increased three fold with osteoarthritis compared
to healthy samples (Hwang et al, 2008; Mastbergen & Lafeber, 2011). The
experimentally observed thickening of the subchondral plate and increase in calcified
cartilage thickness can increase articular cartilage stresses and potentially causing
damage resulting in further subchondral bone remodeling, thus altering the function
of the healthy bone-cartilage unit. Following traumatic injury, markedly greater
shear deformations have been measured partially due to altered synovial fluid
composition that can be partially restored with the addition of hyaluronan (Wong et
al, 2010). Additionally, focal cartilage defects which can result from traumatic injury
or surgical treatment have been shown to increase both strain adjacent to and
opposing defects and magnitudes of steady state sliding forces (Gratz et al, 2009).
The alterations of normal tissue strains, sliding force magnitudes, and synovial fluid
compositions may all contribute to accelerated tissue wear and degradation leading

to osteoarthritis. Furthermore, an increase in hydraulic permeability can decrease
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the pore fluid pressure held in the tissues of the bone-cartilage unit, forcing the solid
skeletons of bone-cartilage unit tissues to carry additional loads potentially leading
to additional remodeling and/or bone-cartilage unit tissue damage.

Molecular signaling between cells in articular cartilage and bone cells is
possible in the healthy bone-cartilage unit, (Arkill & Winlove 2008). With the
progression of osteoarthritis, the frequency of molecular signaling between articular
cartilage and subchondral bone cells increases potentially due to the increased
hydraulic conductance of the bone-cartilage unit (Hwang et al, 2008; Lories and
Luyten 2010). Human knee joints from healthy and osteoarthritic samples have been
compared to study the compositional changes of articular cartilage with
osteoarthritis. Osteoarthritic samples demonstrated a higher overall water content,
and a decrease in proteoglycan content throughout all layers (Brocklehurst et al,
1984;Temple-Wong et al, 2009) which results in decreased compressive stiffness.
Hwang et al (2008) showed that in osteoarthritis, vascular canals can penetrate
calcified cartilage, and eventually articular cartilage greatly increasing the
permeability of the bone-cartilage unit. During osteoarthritis, progressive fibrillation
of collagen fibrils which results in decreased mechanical integrity of collagen fibrils,
a loss of organization of the collagen fibril network, and cartilage thickening starting
at the surface and progressing into deeper layers and with increased severity has
been observed (Temple-Wong et al., 2009). In human patellar cartilage, early arthritis
1s characterized by a decrease in proteoglycan content and a loss of collagen network

organization while late stage arthritis sees a decrease in overall collagen and
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glycosaminoglycan content (Temple-Wong et al, 2009; Saarakkala et al, 2010). A
comprehensive modeling study has yet to incorporate directly the effects of
osteoarthritis in the context of a high precision poroelastic model, or a model
incorporating the effects of tissue injury and damage.

A great deal of work has been done in the development of appropriate
constitutive material models for soft biological materials such as tendon, ligament,
arteries, and cartilage. However, only recently have constitutive material damage
models for soft biological tissues emerged as an area of interest and study in finite
element analysis. Typically, damage formulations for fibril reinforced composite
material models of soft biological tissues develop ground matrix specific damage
parameters for the ground matrix and independent damage parameters for the fibril
network of the tissue (Calvo et al, 2007; Weisbecker et al, 2012), or solely for the
fibril network (Gajewski et al, 2013; Weisbecker et al, 2012). In comparison to
experimental tensile tests of the human aorta, a model accounting for accumulated
damage of solely the fiber constituent (i.e., no damage in the ground matrix of the
tissue) showed better agreement with experimental data compared to a combined
ground matrix and fibril model (Calvo et al, 2007; Weisbecker et al, 2012). Calvo et
al (2007) implemented a model wherein a minimum strain energy must be reached
in order to incur damage, while Weisbecker et al (2012) and Gajewski et al (2013)
do not include a minimum strain energy threshold for damage initiation. The

development relevant damage models for articular cartilage would enable the
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simulation of the initiation and progression behavior of osteoarthritis; an extremely

difficult process to assess experimentally.

1.4 Finite Element Modeling and Techniques

1.4.1 Contact Modeling in Finite Element Analysis

Fundamental to full joint or partial joint finite element simulations is the
inclusion of the geometrically nonlinear effects of contact between opposing surfaces.
Within a finite element solution, a contact constraint can be exactly enforced using a
Lagrange multiplier solution. Many traditional computational contact solutions are
based on an augmented Lagrange method, where penalty terms are added to the
Lagrange method to calculate contact properties (Cook et al, 1979). Traditionally,
contact formulations are enforced using a node-on-segment formulation where nodes
in one surface are restricted from penetrating surfaces of the adjacent contacting
surface which can result in locking in certain geometric situations, or finite
deformations as often encountered in joint contact analysis. Additional improvements
to the traditional finite element contact framework include segment-to-segment, or
“mortar” contact which has been developed (Puso & Laursen, 2004; Laursen et al,
2012) for finite deformations and large sliding. Mortar contact has demonstrated the
potential to eliminate the locking issues associated with node-to-segment contact.
The ability to model finite deformation contact and large sliding is an essential

capability to appropriately simulate many finite element joint simulations.
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The analysis of joint contact conditions presents an additional contact
complication with the necessity of biphasic contact when modeling saturated
contacting tissues in vivo. A Lagrange multiplier based method for two dimensional,
small strain, biphasic contact has been developed by Donzelli and Spilker (1998), and
extended to three dimensions by Yang and Spilker (2007), and finite deformations
with large sliding by Chen et al, (2005). Recently, a biphasic contact implementation
that allows finite deformation, large sliding, and automatic enforcement of free
draining outside of contact surfaces was developed for the free, open source finite
element code FEBio (Ateshian et al, 2010, Mass et al, 2013). Two key features of the
FEBio biphasic contact capability are the ability to automatically enforce a free
draining boundary condition on contacting surfaces outside of the contacting region,
and the capability to model tangential fluid flow at free surfaces. A comparison
between default contact methods in ABAQUS, a modified Python/ABAQUS biphasic
contact method, and FEBio determined that either FEBio or the Python/ABAQUS
method could effectively simulate biphasic contact as seen in joints 7n vivo (Galbusera
et al., 2012). These recent developments in the finite deformation, large sliding, and
biphasic contact formulations enable improved methods with which to evaluate with

unprecedented precision joint contact problems in vivo.

1.4.2 Full Joint Finite Element Models

Full joint finite element models provide unparalleled insight into the precise

mechanics of synovial joints. Full joint finite element models have been proposed as
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a means of studying the responses of synovial joints to various loading scenarios and
material formulations. Although not always explicitly stated, all of the full or partial
joint models described below incorporate the bone-cartilage unit either through
explicit modeling, or assumptions made within the context of the model. The first
example of a joint contact model was done by Hirsch (1944) who applied a Hertzian
contact formulation to two contacting elastic spheres. The emergence of finite element
analysis allowed additional, more precise study of joint mechanics. Brown et al,
(1984) studied the static effects of subchondral stiffening due to surgical implants in
the osteochondral region finding that subchondral implants stiffened the subchondral
region and increased cartilage stresses. Another joint study (Eberhardt et al, 1990)
investigated the effects of differing joint geometry and included a deformable model
for bone. One model took into account realistic joint geometry to study the equilibrium
response of knee ligaments to various loading conditions (Bendjaballah et al,, 1997).
A complete human knee joint model developed from computed tomography (i.e., CT)
scans (Donahue et al, 2002) examined the effects of including subchondral cortical
bone as deformable rather than rigid. Donahue et al (2002) determined that the rigid
assumption for bone had a less than 2% change in any contact variable in a complete
knee joint model. A human hip joint model was used to determine the changes in
contact pressure distributions with different hip joint geometries (Anderson et al,
2010). The effects of poroelasticity were studied in a plane strain finite element model
(Ferguson et al., 2000) investigating the hip joint in long duration (~10,000 second)

loading. The effect of different cartilage thickness in a full joint contact model was
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studied by Li et al. (2001). Many early models were limited in size and complexity by
a finite computational capability, and lack of understanding of joint tissues and thus,
neglected a complete high fidelity study with the most accurate constitutive, contact,
and poroelastic formulations of the osteochondral tissues.

Contemporary full joint models have taken advantage of increasing
computational capacity and the current experimental base of knowledge to gain
insight in joint behavior from increasingly complex joint models. The effects of
different press fit tolerances and positioning on osteochondral implants was studied
in a strain dependent permeability poroelastic model by Wu et al (2002) who found
that anything less than a perfect implant would adversely affect cartilage strain
during physiological loading. Pefa et al (2007) studied the gait cycle of a knee with
differing cartilage material properties in a solid phase only model assuming rigid
bone. An anisotropic collagen fibril model was incorporated into a knee joint to study
the effects of collagen fibril distributions on joint response (Shirazi et al, 2008).
Arguably, full joint models studying the effects of osteochondral defects demonstrate
the best modeling treatments of the complete bone-cartilage unit currently available
in the literature. A full knee joint model developed to explicitly model calcified
cartilage, subchondral bone, trabecular bone, and cortical bone with linear elastic
material models determined the effect of various hypothesized osteochondral defects,
yet neglected poroelastic modeling of the tissues (Shirazi & Shirazi-Adl, 2009).
Another model sought to include the effects of loading a joint using physically

relevant muscle loading for a typical gait cycle (Adouni et al, 2012). Vahdati and
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Wagner (2009) simulated the effects of including a permeable layer of calcified
cartilage distal to articular cartilage finding that calcified cartilage permeability had
a negligible effect on steady-state stress, strain, and pore pressure measures, but did
affect the transient response. Differential collagen fibril orientations resulting from
injury, biology, and osteoarthritis were examined during impact loading in a
poroelastic joint model by (Mononen et al, 2012, 2011). Despite numerous
contemporary full joint computational models, the precise behavior of the bone-
cartilage unit still presents a frontier for investigation.

Near neighbor problems to full joint contact models also may provide insight
and guidance in the development of improved joint modeling methods. For example,
the insertions of tendons and ligaments into bone represent a material and
compositional gradient somewhat similar to the bone-cartilage unit. Analytical two
dimensional models of experimentally determined collagen fiber distributions at the
bone tendon interface have indicated that the collagen fiber orientation serves to
minimize stress concentrations and minimize interface mass (Thomopoulos et al,
2006). However, experimental and analytical models of the tendon to bone interface
suggest that the transition from tendon to bone occurs over longer length scales, and
is less abrupt compared to the osteochondral interface in synovial joints (Genin et al,
2009). A poroelastic model of tissue engineered constructs demonstrated that the
addition of a “gel-bone” interface region similar to the bone-cartilage unit introduces
inhomogeneous mechanical fields in the scaffold. Although the models described

above do not comprehensively capture the behavior of the bone-cartilage unit in vivo,
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because of assumptions made in boundary conditions and/or material properties that
do not comprehensively reflect the in vivobehavior of the bone-cartilage unit, they do

provide reasonable bounds for the mechanical properties of joint contact.

1.5 Innovation & Motivation for This Research

Despite the progress in bone-cartilage unit tissue characterization and
material modeling work currently available in the literature, advancements in
computational capability, and improvements in biomechanics modeling techniques,
there still remains much insight to be gained from improved modeling studies of the
complete bone-cartilage unit. Although the osteochondral interface, calcified
cartilage, and subchondral bone plate tissues have been proven to be permeable,
(Hwang et al, 2008), there exists no bone-cartilage unit model that accounts for the
effects of fluid flow between all the tissues of the bone-cartilage unit. Although the
material properties and mechanical behavior of articular cartilage have been shown
to be depth-dependent and inhomogeneous, (Aspden & Hukins, 1981b; Schinagl et
al., 1997; Asanbaeva, et al, 2007; Chen, 2007; Klein, et al, 2007; Williams et al,
2010) a model incorporating the depth dependent osmotic pressures, collagen fibril
distributions, permeability and porosity seen experimentally in articular cartilage
has yet to be implemented. Although subchondral bone, trabecular bone, and cortical
bone have all been proven to deform elastically, (Mente & Lewis, 1994; Niebur et al,
2000; Carnelli et al,, 2011) almost all full joint models available in the literature treat

these materials as rigid. Although articular cartilage has been shown to incur damage
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resulting in mechanical degradation (Weightman, 1976; Weightman et al, 1978;
Jeffrey et al., 1997; Bellucci & Seedhom, 2002; Lin, 2004; Bush et a/, 2005), no model
has incorporated the anisotropic physically relevant effects of articular cartilage
damage. Therefore, this study seeks to elucidate the functional mechanisms of load
transfer across the bone-cartilage unit in healthy and osteoarthritic tissues through
novel constitutive modeling and finite element analysis methods.

The overall objective of this work is to develop an improved understanding of
the functional load transfer through the bone-cartilage unit in order to better
understand the progression and initiation of osteoarthritis. This goal will be
accomplished via three aims with each aim integrating together towards the ultimate
goal. First, a thermodynamically consistent constitutive model of articular cartilage
damage will be developed to create an unprecedented capability for modeling
articular cartilage damage consistent with osteoarthritis. Second, a fully poroelastic
and deformable finite element model of the bone-cartilage unit will shed light on the
precise functional mechanics, including fluid flow paths throughout the bone-
cartilage unit under healthy and with osteoarthritic tissue permeabilities. This
complete poroelastic bone-cartilage unit model will be used to better understand time
dependent loading, cell nutrition, tidemark advancement, and the consequences of
increasing permeabilities in all tissues of the bone-cartilage unit observed to occur
experimentally with osteoarthritis. Finally, the first and second aims will be
combined with an established bone remodeling algorithm to create an evolutionary

model of osteoarthritis including all tissues of the bone-cartilage unit. The previously
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developed articular cartilage damage model from the first aim, and bone remodeling
will capture the long term time dependent response of the bone-cartilage unit to
mechanical loading. This complete evolutionary computational model of
osteoarthritis will demonstrate how osteoarthritis initiates and progresses over time
in vivo enabling researchers to more precisely develop treatments and prevention
strategies for osteoarthritis. Combined, the three primary aims of this work serve to
better inform future researchers, as well as experimental and computational studies

with the ultimate goal of eliminating the pain, disability, and cost of osteoarthritis.
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CHAPTER 2
An Equilibrium Constitutive Model of Anisotropic
Cartilage Damage to Elucidate Mechanisms of Damage

Initiation and Progression

2.1 Abstract

Traumatic injuries and gradual wear-and-tear of articular cartilage that can
lead to osteoarthritis have been hypothesized to result from tissue damage to
articular cartilage. In this study, a previous equilibrium constitutive model of
articular cartilage was extended to a constitutive damage articular cartilage (CDAC)
model. In particular, anisotropic collagen fibril damage and 1isotropic
glycosaminoglycan damage were considered in a 3-D formulation. In the CDAC
model, time dependent effects such as viscoelasticity and poroelasticity were
neglected, and thus all results represent the equilibrium response after all time
dependent effects have dissipated. The resulting CDAC model was implemented in
two different finite element models. The first simulated uniaxial tensile loading to
failure, while the second simulated spherical indentation with a rigid indenter
displaced into a bi-layer articular cartilage sample. Uniaxial tension to failure

simulations were performed for three collagen fibril Lagrangian failure strain (Ze.
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the maximum elastic collagen fibril strain) values of 15%, 30%, and 45% while
spherical indentation simulations were performed with a collagen fibril Lagrangian
failure strain of 15%. Glycosaminoglycan damage parameters were held constant for
all simulations. Our results indicated that the equilibrium post-yield tensile response
of articular cartilage and the macroscopic tissue failure strain are highly dependent
on collagen fibril Lagrangian failure strain. The uniaxial tensile response consisted
of an initial nonlinear ramp region due to the recruitment of intact fibrils followed by
a rapid decrease in tissue stress at initial collagen fibril failure, as a result of collagen
fibril damage which continued until ultimate tissue failure. In the spherical
indentation simulation, damage to both the collagen fibril and glycosaminoglycan
constituents was located only in the superficial zone and near the articular surface
with tissue thickening following unloading. Spherical indentation simulation results
are in agreement with published experimental observations. Our results indicate that
the proposed CDAC model is capable of simulating both initial small magnitude
damage as well as complete failure of articular cartilage tissue. The results of this
study may help to elucidate the mechanisms of articular cartilage tissue damage that

initiate and propagate osteoarthritis.

2.2 Introduction

Injuries to articular cartilage (AC) can range from debilitating to undetectable,
yet there is currently a limited understanding of the mechanisms that result in AC

injuries and the long term consequences of damage in vivo. The AC solid matrix is
48



composed primarily of type II collagen (COL) fibrils and glycosaminoglycan (GAG)
molecules (Maroudas et al, 1980; Brocklehurst et al, 1984). The COL fibrils
contribute primarily to tissue integrity under uniaxial tensile loading (Asanbaeva et
al 2008) and Poisson’s ratios of AC in unconfined compression (Kiviranta et al., 2006;
Ficklin et al, 2007; Williams et al, 2010). GAG molecules impart an osmotic swelling
pressure on the tissue that counteracts compressive loading (Maroudas et al 1981;
Asanbaeva et al, 2007; Williams et al. 2010) and imparts a prestress on COL fibrils
(Maroudas, 1976; Thomas et al, 2009). Additionally, molecular level covalent and
non-covalent interactions between GAG molecules and COL fibrils have an effect on
the mechanical response of AC (Asanbaeva et al, 2008; Thomas et al, 2009).
Additional constituents make up a small volume fraction of the cartilage solid matrix
including cartilage cells, or chondrocytes, additional proteins, type IV COL fibrils,
and other charged molecules and macromolecules (Kuettner 1992; Williamson et al.
2001). Thus, the gross mechanical response of AC is derived from a superposition of
individual constituent specific responses and subtle interactive effects between
constituents that depend on the applied loading condition.

Despite the demanding mechanical function of AC, it has poor intrinsic healing
capability likely due to avascularity and low cell count (Buckwalter & Mankin, 1998).
AC 1s subject to varying degrees of traumatic injury and/or progressive degeneration
that can result in osteoarthritis (OA) as observed in animal and human studies
(Noyes & Stabler, 1989; Curl et al, 1997; Botter et al, 2008; Temple-Wong et al,

2009). AC injuries as a result of overloading have been observed to result in cell death
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and a decrease in the capability of AC to resist subsequent loading (Wong, et al., 2010;
Novakofski et al, 2014). Due to the complexity of AC, and the difficulty in
experimentally assessing constituent specific damage, relatively little is known about
the consequences of AC injuries, particularly when injuries do not result in
macroscopically visible AC damage.

Experimental studies of OA often aptly examine the differences between a healthy
control group and an osteoarthritic group and thus, the resulting effects rather than
the precise causes of OA are quantified experimentally. For example, variations in
biochemical composition of AC with OA such as increased water content and
decreased GAG content have been quantified (Maroudas & Venn, 1977; Brocklehurst
et al, 1984;Temple-Wong et al, 2009). In human patellar cartilage, early OA is
characterized by decreased GAG content and loss of COL fibril network organization,
while late stage OA shows decreased COL content (Saarakkala et al, 2010). With
OA, progressive fibrillation of COL fibrils, which results in decreased mechanical
integrity of COL fibrils, a loss of COL fibril network organization, and AC thickening
has been observed to start at the surface and progress into deeper layers (Temple-
Wong et al, 2009; Cotofana et al, 2012). With OA and degeneration, AC has been
observed to undergo both compositional and structural changes that lead to a
decreased mechanical integrity and a progressive lessening of AC functionality.

The aim of this work is to expand on contemporary experimental studies using a
computational model to better understand AC degradation and injury. Previous

computational approaches have been implemented to study the characteristics of
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damage in COL fibril reinforced soft tissues other than AC that are not
experimentally measurable or prohibitively difficult to measure experimentally.
Recent stochastic finite strain models for fibril reinforced soft tissues have been
proposed without extensive validation (Rodriguez et al, 2006; Calvo, et al, 2007;
Rodriguez et al., 2008). Other studies have proposed constituent-based continuum
damage models of aortic tissues including only damage to the fibrillar network
(Gajewski et al, 2013) and damage to the nonfibrillar network and/or the tissue
ground matrix (Weisbecker et al, 2012; Famaey, et al,, 2013) with varying degrees of
validation. Also, while one study proposed a constitutive model specific to AC
including damage to the ground matrix and the COL fibril constituents without
experimental validation, this study was only 2-D (Hosseini, et al,, 2014). Therefore,
the primary objective of this paper is to improve upon current models and expand our
understanding of AC degradation by developing a 3-D AC specific constitutive
damage articular cartilage (CDAC) model. This model is capable of highly anisotropic
COL fibril damage (i.e. damage in any number of discrete COL fibril directions), and
an isotropic GAG molecule damage formulation that captures GAG molecule leeching
and cleaving as a result of deformation. To provide a validation of the results of the
CDAC model, results from a spherical indentation simulation will be compared to
experimental observations from similar loading scenarios of COL fibril damage and
denaturation (Hollander et al, 1995) and the locations of GAG molecule leeching

and/or cleaving (Rolauffs et al, 2010).
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2.3 Materials and Methods

Preliminaries
The right Cauchy-Green deformation tensor, C, is defined as
C=FTF (1
where F is the deformation gradient tensor. The Lagrangian strain tensor, E, is

defined as

E=-(C-D) (2)
where I is the identity tensor. The directional Lagrangian strain implemented in this
work to define COL fibril constituent material behavior is calculated as

Ey = N-(EN) (3)
where N is a unit normal direction vector in the reference configuration and (-) is the
dot product operator. Note that the vector and tensor operations required to calculate
Ey return a scalar for the value of Ey in a direction, N. The second Piola-Kirchhoff
stress tensor, S, and the Cauchy stress tensor, T, can be related vza a push forward

operation as shown below
T= %FSFT (4)

where | = detF is the determinant of the deformation gradient tensor. The second
Piola-Kirchhoff stress tensor for a Green elastic material (eventually with damage)
can be derived from the Helmholtz free energy function per unit reference volume, s,
using the following relationship
— o0V
S=2- (5)
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Similarly, the fourth order material elasticity tensor in the reference configuration,
C, 1s derived as
c=22 6)
For this study, a previous equilibrium constitutive model of AC (Stender et aZ,
2012) is extended to include damage to COL and GAG constituents. In the previous
model, the mechanical response of AC is assumed to be a superposition of responses
from an anisotropic COL fibril network, GAG molecules, and a ground substance
matrix (MAT). Any viscoelastic effects are neglected. All constituents are
hypothesized to be linked directly to the solid matrix. Thus, COL, GAG, and MAT
constituents all experience the same deformation, F, when loaded. The total solid
matrix stress without damage is reported as a sum of COL, GAG, and MAT
constituent stresses via a stress balance hypothesis. As in Stender et al, (2012), this
CDAC model is developed for newborn (1-3 week old) bovine AC from the
patellofemoral groove because of an existing comprehensive set of biomechanical,
biochemical, and theoretical properties available for that specific tissue source
(Williams et al, 2010; Stender et al, 2012). Currently, there is not a similar
comprehensive set of data available for other AC in mature or aging tissues. For a
more complete summary of this previous model of AC, and a discussion of the results,

refer to Stender et al. (2012).
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Anisotropic Collagen Fibril Damage Model
The COL fibril Helmholtz free energy function per unit reference volume, <%,
1s proposed to be a function of the true COL fibril Helmholtz free energy function per
unit reference volume, °°, and a dimensionless COL fibril damage parameter, d,{,,
L|JCOL — LTJCOL[l _ d,{,] (7)
where 0 < d{, < 1in direction N. Note that here the damage parameter d{, represents
the percent degradation of COL fibril material (damage is independent of loading) in
direction N; (e.g., d,{, = 0 implies no fibril damage while d,{, = 11s 100% degraded fibril
elastic strain energy). Note that equation (7) is a 1-D relation in direction N, that is
later integrated over a unit sphere at each material point while allowing d,{, to vary
based on direction, thus allowing for 3-D anisotropic COL fibril damage. The COL
fibril damage parameter, d’ , 18 not to be confused with damage in ductile
polycrystalline metals that is associated with void nucleation, growth, and
coalescence, requiring the damage to be represented in the kinematics, as well as
thermodynamics (see Davison et al., 1977). Thus, in this model there are no explicit
damage-specific kinematic variables and consequently, no damage-specific conjugate
stress terms. See appendix for discussion of the thermodynamics for this model. A
constitutive assumption is made for a polyconvex form of the true COL fibril
Helmholtz free energy function without damage per unit reference volume (Stender
et al., 2012)
YOOk = H(En) 3 E/ (En)* ()
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where E/is the COL fibril elastic modulus and H(Ey) is the Heaviside step function.

H is a piecewise continuous function used in this work as defined below

1,f(x)>0
HIE®) =10 ko = of ©)

(i.e., COL fibrils are only active in tension). Note that the assumed form of ¢t
results in a linear stress-strain response for COL fibrils which has been shown to be
appropriate for immature bovine tissue (Stender et al, 2012). However, this
assumption may not be appropriate for more mature tissues, or other species and/or
locations (see Discussion for additional details).

COL fibrils are assumed to exhibit an elastic brittle damage response wherein
COL fibrils exhibit a linear elastic response until Lagrangian fibril strain exceeds the
Lagrangian failure strain of a COL fibril, Ef (i.e., the maximum elastic strain of a

COL fibril) as shown in Figure 4.

2|
)

52|
S

COL Fibril Stress

0 ED
Lagrangian Fibril Strain

Figure 4. The collagen (COL) fibril constituent stress strain response with damage for a
single COL fibril. All COL fibrils are hypothesized to initially respond with a linear elastic
response and then fail completely if the COL fibril Lagrangian damage strain in direction

N, ER, value is exceeded. Thus, the maximum COL fibril yield stress in direction N is the

product of the COL fibril modulus, Ef and the COL fibril Lagrangian failure strain, ER in

that direction.
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The COL fibril damage parameter, d,{, 1s introduced as shown below

1,Ey > EP
d,f;:{ N 7,} (10)
0,Ey < ED

where d/, = 0 for undamaged, intact fibrils (i.e. COL fibril strain, Ey < ER), and d, =
1 for damaged fibrils (i.e., COL fibril strain, Ey > ER). The COL fibril damage
parameter, d’, is defined and exists for any N number of discrete pyramidal volume
elements at a material point each with a unique direction, N. Initially, all fibrils are
assumed to be undamaged. The loading history is tracked such that once damaged,
COL fibril healing and/or repair is disallowed. For a complete description of the COL
fibril damage evolution formulation used in this model including a discussion of the
capability to implement alternative forms of d,{, and the tracking of COL fibril damage
history, refer to the appendix.

Previous soft tissue models have used continuous, (ie., non-discrete)
continuum fibril models to study soft fibrous tissues (Lanir, 1983; Lei & Szeri, 2006;
Ateshian 2007; Ateshian et al, 2009). Specifically, the continuous fibril model of the
anisotropic COL fibril network in AC used here was developed by (Shirazi et al., 2011)
and is implemented by discretizing a unit sphere at each material point into N
number of pyramidal volume elements. Each pyramidal volume element is then
assigned a variable volume fraction of COL fibrils, <p1{,, in direction N capturing the
directional dependence of the COL network at the material point level. Note that

when <p1{, 1s integrated over the unit sphere, the result is equivalent to the
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experimentally measured COL fibril tissue volume fraction, ¢/, which is combined
with COL fibril spatial distribution imaging studies to define a realistic and
anisotropic COL fibril constituent. For a complete summary of the determination of
and implementation of the anisotropic COL fibril distributions used here, refer to
Stender et al (2012). In summary, based on experimental results that Poisson’s ratios
and tensile modulus do not depend on direction in the plane parallel to the articular
surface for newborn bovine AC from the patellofemoral groove, (Williamson, et al,
2003; Williams et al., 2010) COL fibril distributions were assumed to not vary in the
plane parallel to the articular surface. Planar quantitative polarized light microscopy
1mages were used to estimate COL fibril distribution in a plane perpendicular to the
articular surface. COL fibril area fraction distributions in the plane perpendicular to
the articular surface were determined from quantitative polarized light microscopy
measurements (Stender et al, 2012) and adjusted based on experimental COL fibril
tissue volume fraction (Williams et al 2010). A background isotropy and a normalized

Gaussian distribution were assumed with the result as shown in Figure 5.
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Figure 5. Initial highly anisotropic collagen fibril area density in the superficial zone (SZ)
and middle zone (MZ) of newborn bovine articular cartilage from the patellofemoral groove
in a plane perpendicular to the articular surface. Initial collagen fibril area fraction
distributions are determined via quantitative polarized light microscopy measurements
from (Stender et al., 2012) and adjusted for the biochemical collagen fibril volume fraction
from (Williams et al., 2010). Note that Angle = 90° corresponds to the direction
perpendicular to the articular surface.

Using equations (7, 8, and 10) the COL constituent free energy function per unit
reference volume, ¢t is extended from Stender et al (2012) to include COL

constituent damage as
1 2w b4 1 .
Yook = — [ fomo HENY 5 BN (Ex)?[1 — d} ] sin 6d0d¢p (11)
where 6 and ¢ are angles within a spherical coordinate system to determine the unit

direction vector N = cos(0)sin(¢)i + sin(0)sin(¢p)j + cos(¢p)k, with associated

Lagrangian strain Ey in equation (3). With the assumptions of a unit sphere at each
material point and a local spherical coordinate system, V = %ﬂ and dV = %sin 0dede.

Note that this formulation is developed from Shirazi et al (2011) and involves an
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integration within the unit sphere rather than on the unit sphere as other studies
have proposed (Lei & Szeri, 2006; Ateshian, 2007). For a discussion of the equivalence
of the integration approach presented here, and other models where integration is
performed on the unit sphere refer to Stender et al (2012). Using the relationship in

equation (5), the COL fibril second Piola-Kirchhoff stress tensor, SOL, is obtained as
1 21 i .
S e Jo— o HEN) 9 EFEy[1 — d} | [N®N] sin 6d0d¢ (12)

where ® denotes the dyadic product. The COL fibril constituent material elasticity
tensor can be similarly obtained using equation (6) and represented in indicial
notation as

€50, = — f;ZO fo o HEN@LE [1 — d}|NyNs NN, sin 6d6d¢p (13)
For a more complete derivation of S®OL and C5$9%, refer to the appendix. The extent
of COL fibril damage, D,,; (%) is calculated in the user-defined material subroutine
(UMAT) for each material point as the ratio between number of pyramidal elements
at each material point for which )/,5 > 0 (ie., pyramidal elements where COL fibril

damage has occurred at any point in the loading history) NfD , and the total number of

pyramid elements, N;y:q; , @as shown in the following relationship.

D

Deow(%) = ——+ 100 (14)

total

Note that D,y does not specifically quantify the anisotropic nature of COL fibril
damage, but is implemented as a parameter to quickly quantify the extent of COL

fibril damage at a material point.
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Glycosaminoglycan Damage Model
In addition to anisotropic COL fibril damage, an isotropic damage model of the
GAG constituent of AC is also proposed. Here, GAG damage is assumed to be isotropic
at each material point and to only occur during decreases in tissue volume. Thus, it
1s assumed that decreases in tissue volume result in leeching and/or cleaving of GAG
molecules resulting in an effective decrease in GAG molecular density which is
considered to be analogous to GAG damage. For a more complete examination of GAG
damage assumptions, refer to the Discussion. The total GAG Helmholtz free energy
function per unit reference volume, 4% is defined as
POAG = JjGAG[1 — GAG] (15)
where [j%4¢ is the undamaged GAG constituent free energy function per unit

d4¢ is a GAG specific damage parameter. The polyconvex GAG

reference volume and
constituent Helmholtz free energy function per unit reference volume without
damage was derived based on a curve fit to numerical results (Stender et al, 2012)
from the Poisson-Boltzmann continuum electromechanical model as applied to GAG

molecules (Buschmann & Grodzinsky 1995) and is presented by as

(pgAG)“Zlu—ocz)

T (16)

GAG —
v =—a

MPaxml*®
mg25

where a, ( ) and a, (unitless) are GAG material constants, and p§#°, (%) is the

mass density of GAG molecules in the tissue in the reference configuration. The
evolution of GAG damage parameter, d°4¢ | is proposed based on hypothesized GAG

damage behavior as a novel function of the dimensionless GAG damage related
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internal state variable (ISV) 8, the dimensionless GAG damage scaling parametern,
and the maximum attainable GAG damage scaling parameter d$AS, with 0 < d§4S <
1:

dGAG — JGAG [e (_Tﬁ) — e(_Tl)] (17)

max

Several plots of d94¢ with d%4% = 0.5 are shown in Figure 6A. In all simulations, n =
0.25 and dS4% = 0.5are used to demonstrate appreciable GAG damage with

volumetric decreases for the simulations in this study as shown in Figure 6B.

. 0.5 0.5
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Figure 6. Glycosaminoglycan (GAG) damage parameter, d%4¢, plots showing (A) d%4¢ as a
function of GAG damage internal state variable, g, for several values of the GAG damage
scaling variable, n , with d%4% = 0.5. (B) GAG damage, d“4¢, plotted for values of d%4% = 0.5
and n = 0.25 as used in this study as a function of the minimum J = detF value in the
material loading history.
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The GAG specific damage function, f%4¢ | that tracks the occurrence and
accumulation of GAG constituent damage is defined as

fee =@ -nNHE-N) (18)
where | = detF, the determinant of the deformation gradient tensor, F. If | > f

f646 =0 and no damage has

(volumetric expansion greater than ISV f), then
occurred. If | < 8, (volumetric contraction) then f¢4¢ = (B —J) and additional GAG
damage has occurred. For this study, GAG molecules are assumed to be initially
undamaged and thus, the initial value of the ISV g is set to f, = 1 such that d§4¢ =
0. Similarly to the COL fibril damage model, a relationship is assumed in order to
solve for the incremental change of the GAG damage state variable, §8 as shown
below.
5B = —fGAG (19)
When f64¢ = (B — ), equation (19) gives §8 = —(B —J), and the damage like internal
state variable f evolves (decreases). For the case of f¢4¢ = 0 equation (19) gives 68 =
0 and thus, additional GAG damage has not occurred and there is no evolution of the
damage like internal state variable, . Note that for the GAG constituent, healing
and/or repair of GAG molecules is effectively disallowed as the value of f can never
increase.
The complete GAG constituent damage free energy density function per unit

reference volume, P4¢ | is obtained by substituting equations (16) and (17) into

equation (15) as
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9ot = — g, LI gene [ () G} (20)

(1-o3)
The damage enabled GAG constituent Second Piola-Kirchhoff stress can then be

derived using equation (5) as

§646 = JF-1 (—al (2£5) " {1 o [e &) - e(%l)]}) FT (21)

The damage enabled GAG material stiffness tensor is derived using equation (6) with

the result shown below in indicial notation.

1 _a2 GAG
Cigip = {a1(p§%) “2(CacCrp + CapCre) + ay a2 (p§A%) aZCDCICAE}}{(det ) }{1 — dmax

e Cy e(_Tl)]} (22)

The extent of GAG damage is easily quantified by the value of the GAG damage

dGAG

parameter, , which corresponds to the percent decrease in effective GAG

molecule concentration.
Matrix Model

The MAT free energy function per unit reference volume was assumed to be a
compressible Neo-Hookean strain energy function as proposed in Stender et al,

(2012) as

PMAT =~ u[(tr(C) — 3) — In(det(C))] (23)
where u (MPa) is a MAT constituent shear modulus parameter. Because the results
of Stender et al (2012) indicated that the MAT constituent did not have a significant

contribution to the mechanical response of AC tissue from the newborn bovine

patellofemoral groove (ie., u ~ 0) ,damage to the MAT constituent is not considered
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in this work. Using equations (5) and equation (23), the MAT constituent Second
Piola-Kirchhoff stress is derived as

SMAT — (1—C™1) (24)
and the MAT constituent elasticity tensor in the reference configuration is derived in
indicial notation using equation 6 as

Cagep = 1(Cad Cap + Cap Cal) (25)

Previous Experimental and Computational Data

Experimental biomechanical and biochemical data from previous studies were
used in the implementation of the CDAC model. The AC tissue was taken from the
native newborn bovine patellofemoral groove from either the superficial zone (SZ) or
the middle zone (MZ). A summary of tissue biochemical parameters that are required
model inputs, and the original data sources can be found in Table 1. Biochemical
values for GAG content and COL fibril volume fraction were available from Williams
et al., (2010). Initial anisotropic COL fibril spatial distributions were determined via
quantitative polarized light microscopy measurements (Stender et al,, 2012) adjusted

for the biochemical COL fibril volume fraction from (Williams et al., 2010).
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Table 1. Experimental biochemical properties for bovine articular cartilage in the
superficial and middle zones established in a previous study (Williams et al,, 2010) and
used herein.

Glycosaminoglycan  COL Fibril Volume
Water Content y gy

) Molecule Density, Fraction, ¢/
%T M ’
(% Tissue Mass) p§AC (mg/ml) (% Tissue Volume)
Superficial Zone 89.312.6 328+7.5 39+10
Middle Zone 86.612.8 47.6+12.1 5.0+1.4

AC material constants not associated with COL fibril or GAG molecule damage
parameters are used in this work as presented in Stender et al (2012) for the same
tissue source and are listed in Table 2. GAG material constants a; and a, were
obtained from a fit to a Poisson-Boltzmann continuum electromechanical model
(Buschmann & Grodzinsky 1995), and are used as constant values. However, because
the reference GAG densities differ between the SZ and MZ, the resulting GAG stress-
strain equations are regionally dependent. Note that these AC model parameters are
derived from fits to tensile and compressive biomechanical test data, and represent
the best possible fit to the initially undamaged response of AC from the newborn
bovine patellofemoral groove.

Table 2. Predicted articular cartilage constituent glycosaminoglycan (GAG), ground
substance matrix (MAT), and collagen fibril (COL) mechanical properties for the superficial
zone (SZ) and middle zone (MZ) not related to damage used in this study established
previously by Stender et al (2012). Note that GAG constants are identical in the SZ and the

MZ.
MPaxml?5
GAG o (i) 2.87
Constants a, 25
MAT U (SZ, MPa) 0.001
Constants u (MZ, MPa) 0.001
Ef (Sz, MPa) 175
COL Constants

Ef (Mz, MPa) 422
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Finite Element Implementation and Simulations

Damage enabled GAG and COL constitutive models were implemented in
Abaqus v6.13 using the UMAT capability. The COL fibril, GAG molecule, and MAT
constituent material stiffness tensors (equations 13, 22 and 25, respectively) were

jac

transformed to the Jacobian, or the tangent stiffness matrix, C; ikl where jac stands

for Jacobian, as required by Abaqus (for full derivation see Stender et al,, 2012) using

the following relationship shown in indicial notation

(Cfflfl = %E (8utjk + Sjtu + SueTjt + SpTip + CABCDFiAP}'BchFID)} (26)
where is 7;; the Kirchhoff stress, and §;; is the Kronecker delta. To enforce the loading
history dependence of the CDAC model, additional state variables were required. The
COL fibril ISV as discussed in the appendix, is defined as V15 . GAG and COL fibril
constituent ISV damage equations were coded directly in the UMAT. If the state
variable values evolved as determined by the constituent state variable relationships,

the evolution of state variables was calculated as shown below for COL and GAG

damage like internal state variables, respectively as

Yumen = Yar oy + Vi ety Brs1 = Br + 8Bnr1 27)
where ylg (n+1) and B, 41 are the state variable values at the end of the current solution
step, st ) and f, are the state variable values from the previous solution step. The

evolution of COL and GAG damage like internal state variables, 6]/1{',r n +1)and 6f,1are
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determined from the evolution of the state variables in the current step defined in
equations (30) and (19) for COL and GAG constituents, respectively.

To study the results of this proposed constitutive damage model of AC, two
different finite element models were developed in Abaqus 6.13. First, a uniaxial stress
in tension model consisting of a single linear hexahedral element (C3D8) with full
integration was developed and used to model AC damage and failure in uniaxial
stress in tension loading (Figure 7A). Due to the initial stress of the GAG constituent,
to reach an initial equilibrium configuration, all simulations initially solve for an
equilibrium stress state in an unloaded solution step (Stender et al, 2012). For
uniaxial tension simulations, tissue failure was defined to occur when the uniaxial
tensile stress decreased to < 1% of the maximum uniaxial tensile stress. Second, a 3-
D finite element model of a spherical indentation test was constructed consisting of
10625 linear hexahedral elements with full integration and a rigid half sphere
indenter. The cartilage sample was assumed to have dimensions of 1.0 mm x 1.0 mm
x 0.7 mm with a SZ 0.2 mm thick adjacent to the indenter and a 0.5 mm thick MZ
directly beneath the SZ (Figure 7B). The adjacent SZ and MZ zones were connected
via a tied contact constraint. The rigid spherical indenter had a radius of 0.25 mm.
Similarly to the uniaxial stress in tension model, all indentation simulations initially
solve for an equilibrium stress state in an unloaded solution step. Following
equilibrium, the indenter was displaced into the tissue to a depth of 0.06 mm for two
cycles using a surface-to-surface contact algorithm for finite sliding and assuming

frictionless contact. For uniaxial stress in tension simulations, the COL fibril damage
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strain parameter, En, was simulated as 0.15, 0.30, and 0.45 while spherical

indentation simulations used EY = 0.15. GAG damage parameters were assumed as

dS4¢ = 0.5 and n=0.25for all simulations. Initial ISVs for COL and GAG
constituents were set as yg 0 =0 and B, = 1, respectively, for all simulations. To

improve the solution computation time, the number of COL constituent pyramidal
elements at material points was decreased to 200 for the spherical indentation
simulation compared to 3200 for uniaxial stress in tension simulations. Mesh
convergence studies for uniaxial stress in tension and spherical indentation
simulations were performed. Because of the equilibrium nature of this model, time
dependent effects such as viscoelasticity and poroelasticity were neglected, and thus
all results represent the equilibrium response after all time dependent effects have

dissipated.
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Figure 7. Finite element models showing (A) uniaxial stress in tension finite element model
with dashed lines denoting the initial configuration. (B) Spherical indentation model with
superficial and middle zones of articular cartilage. For spherical indentation simulations,
the spherical indenter was modeled as an analytical rigid surface while the cartilage block
was modeled using 10625, 8 node linear hexahedral C3D8 elements with displacements at
the bottom surface constrained in all directions. The adjacent SZ and MZ of regions were

constrained at the shared surface using a tied contact formulation

2.4 Results

Articular Cartilage Damage Model

An initial unloaded equilibrium step resulted in slight volumetric swelling as
a consequence of the intrinsic swelling of GAG molecules. No GAG or COL fibril
constituent damage was incurred during the initial equilibrium swelling. During
tensile loading, predicted macroscopic tissue failure strains from the CDAC model
were highly dependent on the COL fibril failure strain, EZ (Figure 8). For all uniaxial

tensile failure simulations, COL fibril damage was the primary cause of macroscopic

tissue failure.
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Figure 8. Predicted equilibrium values of articular cartilage ultimate tensile failure strain
for collagen fibril Lagrangian failure strain values Ef = 0.15,0.30,0.45 in the superficial
zone (SZ) and middle zone (MZ) of bovine articular cartilage. Macroscopic articular
cartilage tissue failure strain values were determined as when the tissue axial tensile
stress reached 1% of the max stress.

In general, the tensile stress-strain response up to ultimate tissue failure behavior
was found to be similar in the SZ and the MZ. Due to the strain-based COL fibril
failure criterion, higher ultimate tensile stresses were observed in the MZ which has

a higher theoretical COL fibril modulus compared with the SZ (Figure 9).
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Figure 9. Predicted equilibrium uniaxial tension axial stress strain response in the
superficial zone (SZ) and middle zone (MZ) for collagen fibril Lagrangian failure strain
values of Ef = 0.15,0.30,0.45. Vertical axis range is uniform for ease of comparison.
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Values of the COL spatial damage parameter, D,,; , indicate severe extents of COL

fibril damage at macroscopic tissue failure. In the SZ, D.,; was calculated at tissue

failure as 40.0, 47.1, and 49.1% for COL fibril damage strain values of 0.15, 0.30, and

0.45, respectively. In the MZ, D., was calculated at tissue failure as 34.4, 45.5, and

46.8% for COL fibril damage strain values of 0.15, 0.30, and 0.45, respectively (Figure

10). Additional dependence was found on EZ with higher values of E leading to

higher predicted ultimate stress values, and macroscopic tissue failure strain in all

cases.
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Figure 10. Predicted equilibrium collagen (COL) fibril damage, D.,; (%), in the superficial
zone (SZ) and middle zone (MZ) for collagen fibril Lagrangian failure strain values of Ef =
0.15,0.30,0.45. Vertical axis range is uniform for ease of comparison.

Due to COL damage with uniaxial tensile loading, the effective tissue COL fibril area

fraction distributions of intact fibrils were found to vary greatly before and after

uniaxial tension loading to failure. In tensile failure simulations, COL fibril damage

is primarily aligned in the direction of tensile loading (Figure 11). At macroscopic

tissue failure, not all COL fibrils were damaged, with some fibrils (less than 12% by

volume fraction in all simulations) oriented perpendicular to the direction of loading

left intact.
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Figure 11. Comparisons of collagen fibril area fraction distribution in the superficial zone
(SZ) and middle zone (MZ) in undamaged tissue, and at the point of ultimate macroscopic
tensile failure for a Lagrangian failure strain of EZ = 0.30. Note that uniaxial tensile load
was aligned parallel to the articular surface in the 180° direction. Vertical axis range is the
same for ease of comparison.

In all uniaxial tension simulations, small amounts of GAG damage (between 0.4%
and 6.6%) occurred. In all cases, GAG damage occurred just after the onset of tensile
loading due to a slight volumetric decrease in the tissue. During uniaxial tensile
loading, all GAG damage values were small and did not propagate with additional
uniaxial tensile loading.
Spherical Indentation Simulation

Initial unloaded equilibrium swelling did not result in GAG or COL damage in

bi-layered spherical indentation simulations. Locations of both GAG (Figure 12A) and
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COL (Figure 12B) damage at peak loading coincided with high strain regions that
were concentrated directly beneath the indenter tip.

GAG Damage, COL Damage,
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Figure 12. Contour plots of finite element analysis results for (A) glycosaminoglycan (GAG)
damage parameter, d94¢, (B) collagen (COL) fibril damage parameter, D.,;, (C) maximum
principal logarithmic (LE) strain, and (D) maximum principal Cauchy stress (MPa) in a bi-
layered articular cartilage model with discrete superficial zone (SZ) and middle zone (MZ).
A rigid spherical indenter was displaced into the articular surface while displacements in
all directions at the bottom of the MZ were held fixed. Damage parameters of Ef = 0.15,

d$4¢ = 0.5, and n = 0.25 were used. Mesh lines removed for clarity.

All damage to both COL and GAG constituents was found only in the SZ. During
indentation, GAG damage occurred at initial contact, while COL damage required
higher indentation depths to occur. With increasing indenter tip displacement into
the tissue, GAG damage progressed further from the articular surface and increased

in magnitude. COL fibril constituent damage was located almost entirely at, or very
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near, the articular surface and increased in magnitude with increasing indenter tip
displacement into the tissue. Compared with GAG damage, COL fibril damage did
not progress as far from the articular surface. The maximum principal logarithmic
strain contour plot (Figure 12C) shows that strain was primarily concentrated in the
SZ while the MZ experienced relatively small deformations. Similarly, the maximum
principal stress contour plot (Figure 12D) demonstrates that the maximum tensile
stresses are concentrated in the SZ near the interaction with the indenter tip, and
maximum compressive stresses are again found in the SZ beneath the indenter tip.
Increasing indentation depth resulted in a progressive damage response for both COL

and GAG constituents (Figure 13).
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Figure 13. Contour plots of (top) glycosaminoglycan (GAG) damage parameter, d°4%, and

(bottom) collagen (COL) fibril damage parameter, D,,; with progressive spherical
indentation loading in a vi-layered articular cartilage model with discrete superficial zone
(SZ and middle zone (MZ). ). A rigid spherical indenter was displaced into the articular
surface while displacements in all directions at the bottom of the MZ were held fixed.
Damage parameters of Ef = 0.15, d$4% = 0.5, and n = 0.25 were used. Mesh lines removed
for clarity.

Following damage inducing loading, a small amount of AC thickening was
observed at the articular surface (Figure 11). Additionally, a small amount of
hysteresis due to both GAG and COL damage between the initial and second
indentation cycles was observed in the reaction force on the indenter tip with reaction
force decreasing during the second loading cycle. Indentation force values at
maximum indentation depth were similar with a difference of 0.5% between cycles
(Figure 14). A mesh convergence study for the spherical indentation simulation

indicated that the finite element mesh as presented was sufficiently refined.
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Figure 14. Finite element results. (A) A contour plot of logarithmic strain perpendicular to
the articular surface in the superficial zone showing cartilage thickening post damage.
Displacements are shown 100x for clarity. (B) Force vs. displacement plots for 2 cycle
indentation loading showing hysteresis and a decrease in reaction force in the second cycle
compared to the first cycle.

2.5 Discussion

Reduction in the mechanical integrity of AC due to damage, degradation, and
disease has been well documented experimentally (McCormack & Mansour, 1997;
Bae et al, 2003; Temple et al., 2007; Temple-Wong et al, 2009; Novakofski et al.,
2014;). Recently, computational modeling has emerged as a means of studying the
mechanical response of AC tissue under various conditions (Wilson et al, 2005a;
Wilson et al., 2006; Davol et al., 2007; Ateshian et al, 2009) including the study of
AC degeneration and damage (Wilson et al, 2005b; Hosseini et al, 2014). Therefore,
in this study, a previously developed equilibrium constitutive model of AC (Stender
et al., 2012) was updated to include damage formulations for both COL and GAG

constituents creating a highly anisotropic 3-D CDAC model. In the CDAC model,
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healing and/or repair of either GAG or COL constituents is disallowed. Previously
published experimental biochemical, (Williams et al,, 2010) biomechanical, (Williams
et al., 2010) and computational (Stender et a/, 2012) parameters for newborn bovine
AC from the patellofemoral groove were integrated to create a high fidelity
anisotropic 3-D constitutive model that could be implemented in a finite element
analysis software package. In this study, newborn bovine tissue from the
patellofemoral groove is studied because a more comprehensive set of experimental
data was currently not available for another tissue source. The MAT constituent of
AC 1s included herein to improve numerical model convergence properties, and to
facilitate expansion of this model to additional tissue sources that may have more
influential MAT constituent responses. For example, GAG molecule concentration
and COL fibril volume fraction vary between immature and adult bovine (Williamson
et al, 2005) tissue which may result in a higher MAT shear modulus, u, for adult AC
compared to immature AC tissue. To determine the effects of ultimate COL fibril
strain, EZ, a single element finite element model of a uniaxial tensile test was created
and run to macroscopic tissue failure with a range of EY values. In addition, a
spherical indentation of AC with discrete SZ and MZ layers was simulated using
finite element analysis. All simulations required an initial unloaded equilibrium step
where GAG swelling pressure is balanced by COL and MAT constituents resulting in
a small volumetric expansion. With this GAG molecule formulation it is not possible
to explicitly reach an unloaded GAG reference configuration. If future experiments

show that 1t is absolute strain of the GAG molecules, rather than the strain relative
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to the GAG unloading state (ie. equilibrium) that is influential on GAG damage, a
different GAG formulation may be more appropriate. Neither GAG, nor COL fibril
damage was calculated in equilibrium solution steps because there was no volumetric
compression to cause GAG damage, and the expansion strains were sufficiently small
as to not damage to COL fibrils. Although no damage was incurred in the initial
equilibrium step, the higher GAG molecule concentration, and consequently, the
higher GAG swelling pressure in the MZ caused the MZ to fail at slightly lower
ultimate tensile strain values compared to the SZ. In the MZ, higher GAG swelling
pressure resulted in greater initial COL fibril strains following the initial equilibrium
step. For the same value of Ef in the SZ and MZ, the greater initial COL strains in
the MZ resulted in lower ultimate tensile strain values. The proposed CDAC model
and the developed finite element models were used to simulate AC damage,
degradation, and ultimate tissue failure and to compare simulation results with
experimental results. Thus, the hypothesis of this study was that a CDAC model
utilizing independent anisotropic COL and isotropic GAG constitutive damage
models could be used to model AC damage. The computational capability developed
here will help researchers to better understand the mechanisms that lead to early
stage OA and progress to late stage OA.

The spherical indentation finite element simulation results from this work
elucidate the potential damage response, and the constituent specific consequences
of overloading on AC. Some extent of validation of these indentation simulation

results is possible through comparisons of the locations of COL and GAG damage
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between these modeling results and experimental studies. The experimental
observation that GAG damage which in this model is considered to be equivalent to
reductions in GAG density, was found to occur predominantly in the superficial layers
of AC with overloading (Rolauffs et a/, 2010) is in good agreement with the location
of GAG damage calculated with our CDAC model. Another study observed that in
OA, COL denaturation started at the articular surface (Hollander et aZ, 1995) which
1s a result that is again in good agreement with our CDAC model results. Although
this model predicts that damage initiates in the SZ, propagation of damage into the
MZ is not presently simulated and may require additional development such as
element deletion and/or fatigue damage criteria. Additionally, through damage to the
COL fibrils, and the inherent osmotic swelling pressure of GAG molecules, the CDAC
model predicts a post damage increase in cartilage thickness that is consistent with
previous observations of AC thickening with OA (Buck et al, 2009; Cotofana et al,
2012). However, it is difficult to directly compare experimental results for AC
thickening in OA with our model because the loading history of OA groups is
unknown. These CDAC model results indicate that overloading that leads to AC
damage may lead to AC thickening. In our CDAC model, swelling is indirectly
modeled via a GAG molecule induced osmotic pressure rather than an explicit
swelling model as proposed by Lai et al (1991) or an intrafibrillar and extrafibrillar
compartmental swelling model as proposed by Loret & Simdes (2004). For the
immature tissue studied here, the intrafibrilliar and extrafibrillar compartmental

model of AC is likely unnecessary due to the low GAG concentration (Oungoulian,
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2007). In the future, work to include explicit AC swelling models may improve these
CDAC model results. The spherical indentation simulation from this work introduces
discrete SZ and MZ layers that are attached via tied contact constraints. Due to the
inherent discrete nature of finite element analysis, our model does not include a
smooth transition between SZ and MZ regions. Therefore, the stiffer COL fibril
modulus, and higher GAG molecule concentration in the MZ coupled with the strain
based damage theory presented here, effectively make the MZ much stiffer focusing
deformations as well as damage in the softer SZ. The reduced load carrying capacity
with subsequent post damage loading to the same indentation depth (Figure 14)
suggests that there is a reduced load carrying capacity of AC following even small
amounts of damage that may lead to further damage propagation under otherwise
normal loading conditions. The spherical indentation simulations presented here
provide insight into the specific constituent responses as well as the overall AC tissue
response to loading which induces damage.

The CDAC model presented in this paper is subject to several limitations. For
example, the CDAC model is currently calibrated only for newborn bovine AC from
the patellofemoral groove because there was not a comprehensive data set in terms
of age, depth, anatomical site, and species available for another tissue source. Also,
the GAG constituent damage model implies that even for small volumetric
compression that may be experienced during normal physiological loading GAG

dGAG

damage will occur. However, the GAG damage function, 1s proposed such that

small volumetric compressions will not result in significant GAG damage.
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Additionally, time-dependent effects such as viscoelasticity and poroelasticity have
been neglected. Thus, this CDAC model represents the equilibrium response of AC,
and all time dependent effects such as the viscoelasticity of COL fibrils and
poroelasticity of the solid matrix of AC are neglected. Therefore, a direct experimental
validation of the tensile and/or compressive failure results presented in this work
would require extremely slow experimental strain rates (i.e. strain rate approaching
zero) not currently available in the literature. The CDAC model does represent a first
step towards a complete time dependent model of AC damage, and currently, the
CDAC model could be used to simulate focal defects and other early injuries to AC
both in vivo and in vitro. Due to the great number of experimental biomechanical and
biochemical parameters required for a complete validation of this CDAC model, the
present work 1s presented without complete validation. It should be noted that all of
the constituent parameters implemented in this CDAC model including COL fibril
and GAG damage parameters are likely subject to large inherent biological variations
with respect to factors such as species, anatomical location, age, disease state, and
loading history.

Several constitutive assumptions regarding the mechanical behavior of COL
fibrils were required for the implementation of the CDAC model. One such
assumption is that the mechanical response of a single COL fibril is linearly elastic
up to the failure strain. A previous study successfully modeled the experimental
behavior of newborn bovine AC from the patellofemoral groove using a constant fibril

modulus (Stender et al, 2012). However, this assumption may not be appropriate for
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more mature AC tissue, or for AC from a different source. Another assumption is the
complete and immediate failure of COL fibrils strained beyond the Lagrangian failure
strain parameter, EY which is supported by an imaging study that observed COL
fibril rupture and failure (Sasazaki et al, 2006) likely leading to a complete loss of
the mechanical integrity of damaged COL fibrils. A different post yield COL fibril
behavior (e.g. COL fibril softening) and/or the inclusion of time-dependent effects may
better capture the macroscopic AC damage response observed experimentally in
uniaxial tension (Asanbaeva et al, 2008, 2007b) and tensile fatigue (Weightman,
1976; Weightman et al. 1978 Bellucci & Seedhom, 2002). This CDAC model of COL
fibril damage is presented in a rigorous and general sense that allows for differential
COL fibril failure behaviors to be implemented with additional experimental results.
In this CDAC model, finite deformations of the macroscopic tissue lead to progressive
COL fibril recruitment, and with sufficient deformations, subsequent COL damage
that progresses through fibrils originally oriented in different directions. Due to the
progressive loading behavior of the COL fibrils, the damage response of AC tissue is
dependent on the initial COL fibril distribution and the direction of loading. The
alteration of the effective distribution of COL fibrils in AC due to damage (Figure 11)
may have profound effects on the propagation of damage and the evolution of OA.
With additional experimental observations, future studies may improve the accuracy
of the assumptions made here regarding COL fibril behavior.

The mechanical damage response of AC in our CDAC model has been shown

to be highly dependent on the COL fibril Lagrangian failure strain in direction N, EX.
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However, precise values of EX have not yet been established. Molecular
computational modeling studies have suggested that COL fibrils are capable of
attaining large deformations between 15% and 45% which is the range of the COL
fibril failure strains studied in this work (Buehler, 2007; Tang et al, 2010). An
additional molecular modeling study examined the failure behavior of COL fibrils
showing that structural fibril parameters such as fibril length, fibril diameter, and
crosslink density had an effect on fibril failure properties in uniaxial stress in tension
(Tang et al., 2010). An experimental study using self-assembled uncrosslinked type I
COL fibers found fiber failure strains between 24% and 68% strain (Pins & Silver,
1995). To our knowledge, there exists no concise description of the failure behavior or
the failure strain of type II COL fibrils. Experimental studies coupled with a fitting
of this model to experimental failure data may provide a method of determining an
exact value for the COL fibril Lagrangian failure strain, EX.

The GAG constituent damage model presented here hypothesizes that the
maximum volumetric contraction in the loading history of AC results in an effective
decrease in GAG molecule density as a result of GAG molecule leeching (Ze. GAG
molecules pushed out of the tissue) and/or cleaving (i.e. GAG molecules breaking
rendering them ineffective). Note that here there are no conclusions drawn with
regards to the precise mechanism(s) of GAG damage. Thus, a potential limitation of
the proposed GAG damage formulation is that only maximum volumetric decrease
rather than cyclical loading results in GAG damage. Additionally, interactions

between COL fibrils and GAG molecules may affect GAG damage evolution wherein
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damaged fibrils are no longer able to retain GAG molecules in the solid matrix of AC.
Although there is no exact validation of the proposed GAG damage model, several
studies suggest that GAG damage may occur in AC during loading and in OA. To our
knowledge, there is no consensus regarding the precise mechanisms that cause GAG
damage. Thus, this model of GAG damage is presented as an example to propose one
way that decreases in GAG concentration as observed experimentally may occur. For
example, single impact overloading has been experimentally shown to lead to damage
in AC (Jeffrey et al, 1997; Bush et al, 2005) indicating that one time overload
scenarios can damage GAG molecules. An experimental study (Lin, 2004) showed in
mature bovine cartilage that both cell death and GAG loss which in this work is
considered to be equivalent to GAG damage, occurred starting from the articular
surface following short term cyclical injury level loading (~6 hours). Another study
found GAG molecule and COL fibril fragments in tissue media following loading
(Thibault et al, 2002) suggesting that loading can cause GAG molecules to
disassociate from the tissue solid matrix. With chemical depletion of GAG molecules
experimental studies have shown a diminished compressive response of AC tissue
compared with normal AC (Korhonen et al., 2003; Rieppo et al., 2003). Furthermore
with severe OA, alterations in GAG concentration have been observed compared with
healthy AC tissue (Appleyard, 2003; Temple-Wong et al, 2009) as well as alterations
in GAG molecule structure and synthesis (Rizkalla et al, 1992). Although the precise
mechanism of GAG damage remains unknown, the GAG damage model proposed in

this work establishes an example method for modeling a decrease in effective GAG
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concentration, and consequently a decrease in GAG osmotic pressure as observed
experimentally during loading and OA scenarios. Future experimental work to
develop an understanding of the precise mechanisms of GAG molecule damage can
be directly incorporated into this model by implementing alternative functions for
dGAG

Our CDAC model has demonstrated a capability to model constituent specific
damage and tensile failure in AC that likely lead to OA in vivo. Spherical indentation
results demonstrate the experimentally observed locations of AC tissue damage in
early term OA as well as cartilage overloading. Although limited simulation results
are presented, the goal of this work is to introduce the CDAC model, and to outline
constitutive development and implementation thereof. Future studies may use this
model to study differential loading conditions and to expand the model to include
fatigue damage behavior and/or element deletion criteria to more clearly demonstrate
progressive damage behavior. Mesh convergence studies for the uniaxial tension and
spherical indentation simulations indicated that both models had sufficiently refined
meshes. However, as with other damage models, the CDAC model demonstrated
mesh-dependent localization of damage. Further work to expand the CDAC model to
include nonlocal effects or enhanced gradient damage methods could be implemented
to eliminate mesh-dependent damage localization (Peerlings et al. 2001). Further
experimental work may enable more precise validation of this model including the
exact functional form of GAG molecule damage, and a type II COL fibril post yield

behavior and Lagrangian failure strain value. Additional computational work is
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proposed to expand this model to include development of constituent based
viscoelastic and poroelastic properties to implement a time-dependent capability of
this model, and enable more realistic in vivo damage simulations and comparisons
with experimental data. Future experimental and computational studies that
1improve the precision of these results could be used to help treat OA patients and at-
risk individuals. For example, one potential extension of this model would be to
1dentify exercises or movements that may serve to mitigate the progression of AC
damage for patients that are at already at a high risk for osteoarthritis. These results
may help to elucidate the mechanisms and consequences of damage and degradation

that lead to OA as well as traumatic AC injuries.

2.6 Appendix
The COL fibril damage parameter is specifically proposed as
dl, = H(y)) (A1)
where V15 1s a dimensionless COL fibril damage related ISV in direction N. For this
study, all COL fibrils are assumed to be initially undamaged and thus, all initial
values of V15 o= 0 are set such that d,{, © = 0. With the intention of presenting a
complete general theory, additional assumptions are required and introduced to

define the evolution and history of COL fibril damage. All COL fibril damage history

parameters are evaluated in each discrete direction N at each material point. First,
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the COL damage function, f,$°%, which tracks COL fibril damage in each direction N
at a material point is introduced as

fii% = —H(Ey — EY) (A2)
where H is the Heaviside step function operator, Ey 1s the current COL fibril
directional Lagrangian strain, and EY is the Lagrangian failure strain of a COL fibril
(i.e. the maximum elastic strain of a COL fibril). If Ey > EP then f{°' = -1 and
additional COL fibril damage has occurred in direction N. If Ey < ER then f,{°F =0
and no additional COL fibril damage has been incurred. An additional relationship

is defined as

syl = —fgor (A3)
where 6]/15 is the incremental change of the COL damage ISV, y,{ . For the case
of £ = 0 equation (A3) gives 6y) = 0 meaning that additional damage has not
occurred and there is no evolution of the damage like internal state variable, V15 . For
f$O0L = —1, equation (A3) gives 5)/15 = 1. Note that because 5)/15 > 0 healing and/or
repair of COL fibrils is effectively disallowed as the value of )/,5 can never decrease.
An example of the stress-strain response for a fibril in direction N with EX is shown
below in Figure 1. In essence, for all 5}/,5 > 1 from equation (A1), d,{, = 1, which
represents a fully degraded fibril stress in the direction N. Note that this formulation
1s presented with the capability to easily implement alternative forms for d,{,, and
thus equations (A1, A2, and A3) are presented independently.

Collagen fibril constituent stress and material stiftness tensors
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Using equation (6) and applying the chain rule as shown below

al.IJCOL _ anCOL dEN (A4)
ac dEy OC

the following result for the COL constituent second Piola-Kirchoff stress tensor, S¢OF
is derived.

SEOL = = [T oo [8CEw) 5 BBy [1 = H(y{)] + H(Ex) @} E  Ey[1 — H({)] | IN®N] sin 0d0dg

(A5)

For the integral, the first term is zero because the Dirac-Delta function 6(Ey)

evaluates the integrand at Ey = 0, which leads to multiplication by Ey = 0, resulting

in a zero term. The second term is the nonzero term, and is reported in equation (12).

To derive the COL constituent material stiffness tensor equation (12) is used in

equation (6) applying the chain rule as shown below in

aSCOL _ aSCOL aEN
aCc  9Ey ocC

(A6)

giving the following result via a straightforward derivation.
0k = = Jumo Joo |8 ENIORET En[1L = H(v{)] + H(EW) QL E! [1 = H(y ]| NaNsNcNp sin 6dodgp
(A7)
The same cancellation of the first term in the integral of equation (A7) as used in the
derivation of the COL Second Piola-Kirchhoff stress, gives the result reported in

equation (13).
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Clausius-Duhem Inequality
The Clausius-Duhem inequality ensures that the dissipation and damage
related terms introduced in this model are thermodynamically consistent at finite
strain. Note that the polyconvexity is satisfied as in Stender et al (2012) yet, the
additional damage terms presented must also be thermodynamically correct. The
Clausius-Duhem inequality for a single COL fibril in direction N assuming uniaxial
stress, isothermal conditions and homogeneous temperature can be written with
respect to the reference configuration as
SCOLE — =0 (A8)
where S and Eyare the uniaxial COL Second Piola-Kirchhoff stress and
Lagrangian strain rate in the direction N, respectively, and { is the Helmholtz free
energy function per unit reference volume. The true COL fibril Helmholtz free energy
function per unit reference volume, |/ is assumed to be a combination of elastic and

damage terms as written below.
1
W (En, ER. vy ) = H(En) 5 ET (Ex)?[1 - H(Y))] (A9)
Taking the material time derivative of {/, neglecting any density changes in a single

fibril, and substituting into equation (A8) gives the following result.

(s - %,,;)) By -2 50 (A10)

For clarity, the derivative terms are shown to be

%) = 8(En) 5 EX (E)*[1 = H(y))] + HENE En[1 - H(v})] (A11)

and
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" = —H(EN) S E (En?5(1)) (A12)

Note that the first term of equation (A11) leads to zero integral over the reference
configuration because 6(Ey) when evaluated within an integral over various
pyramidal angles returns the integrand at Ey =0 which results in a zero
multiplication. In order to satisfy equation (A10) for arbitrary Ey, the following result
is derived for the true COL fibril Second Piola Kirchhoff stress in direction N as
SKOL = H(EN)E En[1 — H(Y))] (A13)
Thus, combining equation (A10) and equation (A12), the remaining inequality must
hold
H(Ey) 5 X (Ex)28(v} )i}y = 0 (A14)
which is satisfied for E/ > 0 noting that ]’/,{,c > 0. In this work, the true COL fibril
properties are expanded to the total COL properties by integrating spatially which
gives the results presented in the text.
The Clausius-Duhem inequality for the GAG constituent is written with
respect to the reference configuration as
~§646; € —546 > 0 (A15)

Taking the material time derivative of 4% (J, B) gives the following result.

igag _ 0(WHE) & (W)
Poas = == C +=—p (A16)
The chain rule is applied to the a(q;‘;AG) term in equation (A15) as follows.
o454%) _ o(u%) o)
50 = o ac (A17)
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Noting that z—é = % JC~1 and substituting equations (A17) into equation (A16) gives the
result shown below.

pGA6 = (la(‘l’a_(;;‘a)]c—l) ¢ + a(q;_(;:(;)ﬁ (A18)

2
Substituting equation (A18) into equation (A15) and rearranging terms gives the

following result.

1eGac _ 10(WEAG) g\, o 0(wGAG)
(ES —37c 1).c-—aﬁ £>0 (A19)

For clarity the derivative terms are given below.

GAG GAGy @2 =B -1
a(q;a] ) _ —a, (po] ) {1 _ dsac [e &) _ 6(77 )]} (A20)
and
2(y549) _ (0§4%)* (agitS [ (£
B a,a; jCecz=1) {T [e ( ! )]} (A21

In order to satisfy equation (A19) for any arbitrary C, the following result is given for

the GAG Second Piola-Kirchoff stress tensor, S¢4¢.

GAG) az

5946 = JF 1 (-, (2 {1 — S48 [e G - e(_?l)]}) F-T (A22)

Additionally, to fully satisfy equation (A19), the following inequality must also hold.

GAG\*2 1 (1-x3) -B .
T

Equation A23 is satisfied, when a; > 0, p§4¢ > 0,a, > 1, dS4¢ > 0,7 >0, and <0

as presented herein. Note that equation (19) ensures that 8 < 0, and thus, f < 0.
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CHAPTER 3
A Poroelastic Finite Element Model of the Bone-Cartilage
Unit to Determine the Effects of Changes in Permeability with

Osteoarthritis

3.1 Abstract

The changes experienced in synovial joints with the onset and progression of
osteoarthritis are complex and involve coupled chemical, biological, and mechanical
processes. The aim of this study was to investigate the consequences of increasing
permeability in articular cartilage (AC), calcified cartilage (CC), subchondral cortical
bone (SCB), and subchondral trabecular bone (STB) tissues as observed with
osteoarthritis. Two poroelastic finite element models were developed both using a
depth-dependent anisotropic model of AC with strain-dependent permeability and
poroelastic models of calcified tissues (CC, SCB, and STB). All tissues were combined
to create two bone-cartilage unit (BCU) models. The first model simulated a complete
BCU in uniaxial unconfined compression, while the second model simulated spherical
indentation of the AC surface. Results indicate that the permeability of AC is the
primary determinant of the BCU’s poromechanical response while the permeability

of calcified tissues exerts no appreciable effect on the force-indentation response of

105



the BCU. In spherical indentation simulations with osteoarthritic tissue permeability
properties, fluid velocities were larger in magnitude and distributed over a smaller
area compared to normal tissues. /n vivo, this phenomenon would likely lead to
chondrocyte death, tissue remodeling, alterations in joint lubrication, and intensify
the progression of osteoarthritis. For both osteoarthritic and normal tissue
permeability values, fluid flow was predicted to occur across the osteochondral
interface. These results may help elucidate the consequences of increases in the
permeability of the BCU that occur with osteoarthritis. Furthermore, this study may

help to guide future treatments and strategies designed to counteract osteoarthritis.

3.2 Introduction

Osteochondral tissues such as articular cartilage (AC), calcified cartilage (CC),
subchondral cortical bone (SCB), and subchondral trabecular bone (STB) play
essential roles in skeletal function and joint health. The bone-cartilage unit (BCU), a
term first used by Lories and Luyten (2010) is the functional combination of soft (AC)
and calcified tissues (CC, SCB, and STB) in synovial joints. The BCU often afflicted
by osteoarthritis leading to severe pain and loss of joint function. With osteoarthritis,
mechanically-induced changes in AC, and calcified tissues initiate and propagate to
result in progressive worsening of osteoarthritis symptoms (Temple-Wong et al,
2009; Burr & Gallant, 2012). Due to the integrated nature of tissues in the BCU, the
loads experienced by any single tissue, are inherently dependent on the other tissues

of the BCU. Additionally, in vivo, the BCU is saturated with fluids and exhibits a
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poromechanical response that is dependent on the permeability of tissues in the BCU
(Soltz & Ateshian, 1998; Cowin, 1999; Swan, et al, 2003; Hwang et al, 2008;
Taffetani, et al, 2013). Because of the significantly greater stiffness of the calcified
tissues within the BCU relative to AC, the inclusion of deformable material models
of calcified tissues has little effect on computational results compared with a rigid
approximation (Donahue et al, 2002). However, it is presently not clear precisely
what role calcified tissues play in the poromechanics of the BCU.

In vivo, all tissues within the BCU are saturated with fluid and thus exhibit a
poroelastic response to mechanical loading during healthy tissue function (Cowin,
1999; Wilson, et al, 2004; Hwang et al., 2008). Stress relaxation experiments have
shown that in bovine AC, for extended loading periods lasting up to 724 seconds, pore
fluid pressure supports more than 90% of the applied stress at a constant 10%
confined compression strain with the remaining load supported by the AC solid
matrix (Soltz & Ateshian, 1998). The poroelastic properties of the BCU have been
shown to vary greatly with the onset and progression of osteoarthritis. Changes with
osteoarthritis cause the tissue permeability of all BCU tissues to increase
substantially (Setton et al, 1995; Hwang et al, 2008). Recent studies have shown
that fluid flow and molecular signaling across the osteochondral interface between
AC and CC are likely and are potentially critical to the health of the BCU (Hwang et
al, 2008; Pan et al., 2009; Lories & Luyten, 2010; Suri & Walsh, 2012). Moreover, as
osteoarthritis progresses, a diminished poromechanical response of the osteochondral

tissues may cause additional worsening of osteoarthritis symptoms due to a reduced
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load carrying capacity (Hwang et al, 2008; Lories & Luyten, 2010). Due to the
importance of the poromechanical response of the BCU and the alterations in
permeability that occur with osteoarthritis, this study will explore the specific
permeability-dependent response of the BCU for both normal and osteoarthritic
permeability values.

There is still much that remains unknown regarding the mechanical behavior
of the complete BCU and how osteochondral tissues integrate and interact. Currently,
there exists a wide range of computational (Korhonen et al, 2003; Wilson et al., 2004;
Wilson, et al, 2005; Julkunen, et al, 2008; Pierce, et al., 2013) and experimental (Lai,
et al., 1981; Chen, et al, 2007; Williams et al, 2010) studies that attempt to quantify
the poromechanical properties of AC alone. Previous studies have experimentally
quantified the mechanical behavior of bone tissue (Li & Aspden, 1997; Nauman, et
al,1999; Gupta et al, 2005; Burr & Gallant, 2012). Furthermore, additional work has
been completed focusing on modeling the mechanical behavior of subchondral and
cortical bone (Niebur, et al, 2000; Hazelwood, et al, 2001; Swan, et al., 2003; Mullins,
et al, 2009). However to our knowledge, no previous study has sought to
computationally assess the combined poroelastic response of the complete BCU for
normal and osteoarthritic permeability values. Thus, to improve upon the current
understanding of the function of the BCU in health and with osteoarthritis, this study
seeks to combine appropriate constitutive material modeling, finite element
modeling, and previously published experimental data with the goal of elucidating

consequences of increased permeability in osteochondral tissues within the BCU.
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These results will better inform future experimental and computational studies of the
BCU and may provide insight into future osteoarthritis prevention and treatment

strategies.

3.3 Materials and Methods

To investigate the poromechanics of the BCU, two finite element models were
developed using Abaqus (v6.13, Simulia). The first quarter symmetry model
simulated uniaxial unconfined compression of an osteochondral block (Figure 15A)
while the second simulated spherical indentation of a BCU block (Figure 15B).
Although both unconfined compression and spherical indentation simulations could
be simulated using 2-D axisymmetric models, the anisotropic constitutive model of
AC used herein was developed in 3-D, and consequently the simulations in this work

are also developed in 3-D.
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Figure 15. Finite element models for (A) quarter symmetry unconfined
compression simulations and (B) spherical indentation simulations. The unconfined
compression model consisted of 3000 3-D elements, and the spherical indentation
simulations consisted of 8400 3-D elements. Brackets denote differential material
regions including articular cartilage superficial zone (AC SZ), articular cartilage
middle zone (AC MZ), articular cartilage deep zone (AC DZ), calcified cartilage (CC),
subchondral cortical bone (SCB), and subchondral trabecular bone (STB). Each
material region was simulated using appropriate constitutive models and
permeability values for either normal or osteoarthritic tissues.

Both unconfined compression and spherical indentation models were
comprised of six discrete tissue zones including, superficial zone AC, middle zone AC,
deep zone AC, CC, SCB, and STB regions. Unconfined compression and spherical
indentation simulations assumed tissue thicknesses in each of the six discrete tissue

zone as listed in Table 3. Body forces did not significantly affect results at the scales

studied and were neglected on both solid and fluid phases in all simulations.
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All tissues of the BCU were assumed to be permeable and to exhibit a
poroelastic response under applied loading. Due to the finite deformations
experienced by AC, a strain-dependent permeability model was implemented for all
zones of AC. The following relationship defined in terms of void ratio as required by
Abaqus, and used by Ficklin et al (2009), was implemented to define the deformation-

dependent permeability in articular cartilage:

E= kol e (3((22) - 1)) 0

~ . . . . . . 2 =~ . . .
where k is the permeability in the current configuration (%), ko is the permeability

. mm? . . . .
at zero strain (E)’ e and e, are the void ratios of the tissue in the current

configuration and at zero strain, respectively, and M is a dimensionless material
parameter controlling the nonlinearity of the permeability dependence (Lai et al,

1981; Holmes & Mow, 1990). Abaqus requires permeability to be defined in units of

1

length - time™!, thus published values of k were transformed according to the

following relationship

N

mm3’

where y; is the unit weight of the wetting fluid in For a complete description of

the strain-dependent permeability model used in this work for AC, refer to Holmes &
Mow (1990) and Ateshian et al. (1997). For AC, values of k were calculated for a range
of current configuration void ratio values, and the results were input into Abaqus in

a tabular format. All tissues were assumed to be initially fully saturated with fluid.
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For all tissues, the wetting fluid was assumed to be water with a unit weight of y; =

N
mm3

9.81 x 107°

Due to the relatively small deformations in calcified tissues,

compared to the deformations in AC, the permeability values of the calcified tissues
were assumed to be constant (i e., strain-independent). Initial permeability values for
normal and osteoarthritic tissues, strain-dependent permeability parameter M, and
undeformed void ratio values used in this model are listed in Table 3.

Table 3. Permeability parameters and tissue zone thicknesses used in this
study for the superficial, middle, and deep zones of articular cartilage, calcified
cartilage, subchondral cortical bone, and subchondral trabecular bone. Articular
cartilage is assumed to exhibit a strain-dependent permeability, while calcified
cartilage, subchondral cortical bone, and subchondral trabecular bone were
assumed to exhibit strain-independent permeability. Thicknesses were assumed
based on a generalized bone-cartilage unit.

Initial Initial Initial
Permeability, Permeability, Solid M Thickness
Tissue Normal Osteoarthriti  Matrix  (dimensionless) (mm)
2 mm? 2 mm? Void
0 (MPa-s) > Ko (MPa-s) Ratio, e,
Articul Superficial Zone 4.55e-31 6.81e-3° 453 5.481 1.5
C;:Itclll; ;; Middle Zone 1.46e-3 2.16e-3 403 5.49 1 5.0
Deep Zone 0.50e-31 0.74e-3° 3.23 7.381 3.5
Calcified 90.02 1402 11 - 0.05
Cartilage
Caflafled SuthondraI 90.02 1402 11° i 10
Tissues Cortical Bone
Subchondral 90.02 1402 3.75 - 10

Trabecular Bone

! From Chen et al, 2001

2 From Hwang et al., 2008

3 From Brocklehurst et al, 1984

4 From We1 et al., 1998

5 From Nauman et al., 1998

6 Adapted based on Setton et al, 1995
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Values of k, and M for AC were obtained from an experimental study of human
femoral heads (Chen et al 2001), and k, values for calcified tissues were obtained
from Hwang et al, (2008) for human knee subchondral bone plate tissue. Initial void
ratio values for AC were used from Brocklehurst et al, (1984) from adult human
femoral condyles. The void ratio for subchondral cortical bone is from Wei et al,
(1998) for rabbit tissue, and the trabecular bone void ratio is from Nauman et al,
(1999) for the human proximal femur. The void ratio of CC was assumed to be the
same as the void ratio of SCB.

In order to isolate the specific consequences of tissue permeability increases
with osteoarthritis, alterations in mechanical properties as a result of AC degradation
and bone remodeling were not explicitly considered in these simulations. To develop
a baseline response of the BCU, unconfined compression and spherical indentation
simulations were initially run while incorporating tissues possessing healthy
material permeability values (Case 1, Normal) (Table 3). Additionally, an increase in
the AC permeability to osteoarthritic values in the superficial, middle, and deep
zones, overlying healthy CC and bone, (Case 2, AC OA) was simulated based on
experimental permeability changes with osteoarthritis in mature canine tissues
(Setton et al. 1995). Next, the effects of increased calcified tissue premeability to
osteoarthritic values, with healthy overlying AC, (Case 3, Calcified OA) was
simulated based on changes observed with osteoarthritic human femoral condyles
(Hwang et al 2008). Finally, spherical indentation and unconfined compression

models were run with increased osteoarthritic permeability values for all
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osteochondral tissues (Case 4, All OA). All simulations were run in parallel using 8-
24 processers. To significantly decrease the computational expense of all simulations,
the number of collagen fibril constituent pyramidal elements at each material point
was decreased from 3200, as used previously (Stender et al, 2012), to 200. Pilot
indentation and uniaxial tension simulations of the reduction of COL fibril pyramidal
elements indicated less than 3% differences in the results between 200 and 3200
collagen fibril pyramidal volume element models.

For unconfined compression and spherical indentation finite element
simulations, each discrete tissue region was attached directly to the adjacent regions

using a tied contact constraint as well as a surface-to-surface contact algorithm. The
- . mm?sec .. .
contact permeability was defined as 1.0x109 (T) at all dissimilar material

interfaces, and was determined, based on test problems to be sufficiently high such
that there was no appreciable effect of interface permeability on the results. Contact
with the rigid platen in unconfined compression simulations, and the spherical
indenter in spherical indentation simulations, was implemented using a frictionless
surface-to-surface contact algorithm with finite sliding. In unconfined compression
and spherical indentation simulations, the nonlinear geometric effects NLGEOM)
option of Abaqus was activated. Due to the constitutive model chosen for all AC zones,
an equilibrium step was run prior to loading for unconfined compression and
spherical indentation simulations in order to account for the pre-stress of the AC solid

matrix by glycosaminoglycan molecules (Stender, et al 2012). The user material

114



subroutine (UMAT) capability of Abaqus was used to model the solid matrix response
to load of all zones of AC. In Abaqus, total material Cauchy stress, T, is calculated as
the sum of the solid matrix effective stress, T¢, as calculated either in the UMAT, or
in Abaqus via the material library, and the pore fluid pressure, py, as

T = T + p,I 3)
where T and T® are positive in tension for their normal components, pr 1s positive
in compression, and I 1is the identity tensor.

For quarter-symmetry unconfined compression simulations (Figure 15A), BCU
samples were compressed, by an impermeable platen, up to a 0.1 mm displacement
over 400 seconds at a constant loading rate followed by a hold at constant maximum
displacement for an additional 800 seconds to allow for pore fluid diffusion. For
unconfined compression simulations, all regions of the BCU were given dimensions
of 1.0 cm x 1.0 cm length x width, fluid pore pressure at the radial boundary was set
to 0 MPa, and the top and bottom surfaces were impermeable (i.e., fluid flow out of
the sample was allowed only at the radial boundary). Following a mesh refinement
study, the final unconfined compression model was implemented using 3000 hybrid
pore fluid/stress trilinear displacement, trilinear pore pressure hexahedral elements
(C3D8P) with full integration.

For the spherical indentation model simulations, size determination studies
were conducted to determine the minimum BCU block dimensions such that the free
boundary did not affect results. Based on BCU size determination studies, each tissue

region in the spherical indentation model was defined with a 3.0 cm length x 3.0 cm
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width. The indenter tip was simulated as a 1.50 cm radius rigid spherical indenter.
Indentation loading was applied via a displacement of the spherical indenter into the
articular cartilage surface layer to a depth of 0.1 cm over a 2 second duration, with a
subsequent unloading back to the initial indenter location over an additional 2
seconds. The bottom surface of the STB was held fixed. Pore pressure was set to 0
MPa at the articular surface and the bottom of the STB (i.e., fluid flow was only
allowed out of the top and bottom free surfaces). A mesh convergence study was
conducted and two models containing 8400 and 27000 C3DS8P full integration
elements were developed with the 8400 element version as shown in Figure 15B.
Due to the variety of tissues in the BCU, and the complex nature of the
constitutive AC material model used, many material parameters are required to fully
define solid matrix material behavior across each of the six discrete tissue regions.
Previously, Stender et al,, (2012) established material parameters for the superficial
zone and middle zone of native newborn bovine AC as used herein. Deep zone AC
parameters were extrapolated linearly from the results for the superficial and middle
zones (Stender et al, 2012). Note that the AC material parameters are intended to
represent a general mechanical response of AC rather than material properties AC
from a specific source. For a full description of the AC model used here, as well as the
meaning of specific AC material constants refer to (Stender, et al, 2012). The AC
material properties used in this work are listed in Table 4. For calcified tissues a
linear elastic material behavior was assumed. Young’s modulus for CC and SCB was

available from a previous experimental study using tissue from the bovine femur
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(Mente & Lewis, 1994). A compressive Young’s modulus for STB was used based on
an experimental study (Morgan & Keaveny, 2001) for the human proximal tibia. For
SCB and STB a Poisson’s ratio of 0.3 was used (Borchers & Reichart, 1983), and a
Poisson’s ratio of 0.3 was assumed for CC. A comprehensive list of material properties

of calcified tissues used in the present study is shown in Table 4.
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Table 4. Material properties for articular cartilage superficial zone, middle
zone, and deep zone, calcified cartilage, subchondral cortical bone, and subchondral
trabecular bone used in this study. Superficial zone and middle zone articular
cartilage values are from previous computational (Stender et a/ 2012) and
experimental (Williams et al. 2010) studies for newborn bovine articular cartilage
from the patellofemoral groove. Deep zone articular cartilage properties are a linear
extrapolation of SZ and MZ values. Articular cartilage model parameters are for a
tri-constituent model composed of collagen fibrils, glycosaminoglycan (GAG)
molecules, and a ground substance matrix (MAT). These properties are intended to
represent a generalized articular cartilage tissue sample rather than from a specific

source.
Parameter Description Value
. . K (MPa) MAT constituent shear modulus 0.001
Al ArtchuaIa(rer(;artllage a1 (MPa-ml*>/mg?°) GAG material constant 2.87
y a, (dimensionless) GAG material constant 2.50
Articular Cartilage Ef (MPa) Collagen fibril elastic modulus 175
Superficial Zonge o’ (%) Collagen fibril volume fraction 3.9
P pSAC (mg/ml) Initial GAG molecule density 3.28
Articular Cartilage E’ (MPa) Collagen fibril elastic modulus 422
Middle Zoneg o (%) Collagen fibril volume fraction 5.0
p§4C (mg/ml) Initial GAG molecule density 4.76
Articular Cartilage Ef (MPa) Collagen fibril elastic modulus 670
Deep Zone & o (%) Collagen fibril volume fraction 6.1
P p§4C (mg/ml) Initial GAG molecule density 6.24
- i E (MPa) Elastic modulus 3201
Calcified Cartilage v Poisson’s Ratio 0.3
Subchondral Cortical E (MPa) Elastic modulus 3,900 ?
Bone v Poisson’s Ratio 03*
Subchondral Trabecular E (MPa) Elastic modulus 1,0913
Bone v Poisson’s Ratio 03*

1 From Mente & Lewis (1994)

2 From Mente & Lewis (1994)

3 From Morgan & Keaveny, (2001)

“From Borchers & Reichart, (1983)
Anisotropic distributions of collagen fibrils in AC were defined in the superficial
middle and deep zones of AC based on previously established experimental studies of
collagen fibril distributions across a range of species (Benninghoff, 1925; Minns &

Steven, 1977; Aspden & Hukins, 1981; Clark 1990; Hyttinen et al, 2009) and
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biochemical measurements of collagen fibril volume fraction (Williams et al., 2010)
for newborn bovine AC (Figure 16). For all zones of AC, collagen fibrils were assumed

to be anisotropic only in a plane perpendicular to the articular surface.
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Figure 16. Initial collagen fibril distributions in the superficial zone (SZ),

middle zone (MZ), and deep zone (DZ) of articular cartilage where 6 = 90° is defined
the plane parallel to the articular surface.

3.4 Results

Spherical indentation and unconfined compression simulations were run for
each of the four cases including: healthy permeability properties (Case 1, Normal),
osteoarthritic permeability properties in AC (Case 2, AC OA), osteoarthritic
permeability properties in calcified tissues (Case 3, Calcified OA), and osteoarthritic
permeability properties in all tissues (Case 4, All OA). Only negligible differences

were found between cases 1 and 3 or cases 2 and 4. Thus, changes in the permeability
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of the calcified tissues showed no variation in unconfined compression and spherical
indentation simulations. Therefore, the following results will be presented showing
only results for normal permeability values (Case 1, Normal) and for all osteoarthritic
permeability values (Case 4, All OA). Unconfined compression loading showed a
diminished peak load and a shortened relaxation time for the All OA case, compared
to the Normal case (Figure 17). As a result of pore fluid diffusion, the solid matrix of
the BCU experienced a time-dependent stress response resulting in a stress
relaxation behavior of the BCU at constant displacement in both Normal and All OA

simulations (Figure 17).
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Figure 17. Plot of force (N) vs. time (seconds) for finite element simulation of
unconfined compression of osteochondral plugs for healthy permeabilities (Normal)
and, osteoarthritic permeabilities (All OA). Force values are converted to full
symmetry. Loading was applied vza an impermeable platen which was ramped to a
0.1 mm displacement over the first 400 seconds, and subsequently held at a
constant displacement for an additional 800 seconds.
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Pore pressure magnitudes in unconfined compression were higher for Normal
permeability values, compared with the All OA case (Figure 18A). Peak pore pressure
magnitude was roughly 30% higher in Normal compared to All OA cases. Fluid
velocities at peak loading were similar in both Normal and All OA unconfined

compression simulations (Figure 18B).
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Figure 18. Contour plots showing quarter symmetry finite element
simulation results for (A) pore fluid pressure (MPa) and (B) fluid velocity (mm/sec)
at peak compressive loading prior to relaxation for full thickness osteochondral
plugs with healthy (Normal) and osteoarthritic (All OA) permeability values.
Brackets denote differential material regions including articular cartilage
superficial zone (AC SZ), articular cartilage middle zone (AC MZ), articular
cartilage deep zone (AC DZ), calcified cartilage (CC), subchondral cortical bone
(SCB), and subchondral trabecular bone (STB).
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Spherical indentation simulation results predict a 6% higher peak indentation
force for the All OA case compared to Normal case (Figure 19). Additionally, compared

with Normal, the All OA case took longer to achieve relaxation during unloading.
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Figure 19. Indentation force (N) vs. Time (seconds) plot from spherical indentation
finite element simulations for healthy (Normal) and osteoarthritis (All OA)
spherical indentation simulations. BCU blocks were loaded via displacement of a
rigid spherical indenter with a 1.5 cm radius following a triangular waveform up to
a maximum 0.1 cm indentation depth over 2 seconds and subsequent unloading
back to the initial indenter tip location over an additional 2 seconds.

For the Normal case, the largest fluid velocities at peak indentation displacement

included the SZ and MZ of AC, while for the All OA case, the highest fluid velocities

were present only in the SZ of AC (Figure 20).
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Figure 20. Contour plots of fluid velocity (mm/sec) for spherical indentation
finite element simulation results for normal and osteoarthritic (All OA)
permeabilities of the bone-cartilage unit. Brackets denote differential material
regions including articular cartilage superficial zone (AC SZ), articular cartilage
middle zone (AC MZ), articular cartilage deep zone (AC DZ), calcified cartilage (CC),
and subchondral cortical bone (SCB). Mesh lines are removed for clarity.

The pore fluid pressure responses also varied in magnitude and distribution of pore
pressure throughout loading, peak loading and unloading between Normal and All
OA cases (Figure 21). Peak pore pressure was approximately 30% greater in All OA
simulations compared to Normal simulations. During unloading in All OA and

Normal simulations, a negative pore fluid pressure (ie., a vacuum) was present in

the MZ and DZ of AC.
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Figure 21. Contour plots showing pore fluid pressure (MPa) values for healthy (Normal)
and osteoarthritic (All OA) permeability simulations midway through loading, at peak
loading, and half way through unloading. Brackets (far left) denote differential material
regions including articular cartilage superficial zone (AC SZ), articular cartilage middle
zone (AC MZ), articular cartilage deep zone (AC DZ), calcified cartilage (CC), and
subchondral cortical bone (SCB). Mesh lines are removed for clarity.
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Figure 22. Contour plots showing maximum principal solid matrix effective stress
(MPa) as calculated in finite element simulations for healthy (Normal) and
osteoarthritic (All OA) permeabilities at peak indentation loading. Brackets denote
differential material regions including articular cartilage superficial zone (AC SZ),
articular cartilage middle zone (AC MZ), articular cartilage deep zone (AC DZ),
calcified cartilage (CC), subchondral cortical bone (SCB), and subchondral
trabecular bone (STB). Mesh lines are removed for clarity.

Under spherical indentation, maximum principal effective stress, T¢//,
contours revealed a sharp transition in stress magnitudes between DZ AC and CC at
the osteochondral interface in Normal and All OA simulations at peak loading (Figure
22). Fluid transfer across the interface between cartilage and subchondral cortical
bone occurs with loading to peak loads (Figure 23), and subsequently reverses in
direction with unloading. During loading, fluid velocity was directed away from the
spherical indenter from DZ AC into CC and SCB across the osteochondral interface.

During unloading, fluid movement was predicted across the osteochondral interface

from CC and SCB into DZ AC. All OA simulations showed a more chaotic flow path,
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higher fluid velocity magnitudes, and negligible MZ AC fluid velocities as compared

to Normal simulations (Figure 23).
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Figure 23. Vector plots showing fluid flow direction and magnitude near the
osteochondral interface as calculated in finite element spherical indentation
simulations for healthy (Normal) and osteoarthritic (All OA) permeabilities during
the final loading step and initial unloading step. Brackets denote differential
material regions including articular cartilage superficial zone (AC SZ), articular
cartilage middle zone (AC MZ), articular cartilage deep zone (AC DZ), calcified
cartilage (CC), and subchondral cortical bone (SCB). Vector orientation corresponds
to fluid flow direction while vector color and size correspond to fluid velocity
magnitude. Mesh lines are removed for clarity.

3.5 Discussion
The computational BCU model developed in this work incorporates a
permeable, depth-dependent, and anisotropic model of AC with deformable and

permeable models of the underlying calcified tissues (Z.e., CC, SCB, and STB) and a
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poroelastic finite element modeling framework. The permeability values used for
osteoarthritic tissues are from previous experimental studies (Setton et al, 1995;
Hwang et al., 2008) that showed a roughly 50% higher permeability in tissues of the
BCU with osteoarthritis. To investigate alterations in permeability with
osteoarthritis, unconfined compression and spherical indentation simulations were
run for four cases; 1) normal permeability values, 2) increased permeability values in
AC, 3) increased permeability values in the calcified tissues, and 4) increased
permeability values in all tissues within the BCU. Alterations in the permeability of
the calcified tissues did not have an appreciable effect on results for any of the
simulations, suggesting that the permeability of AC is the most influential factor in
the poromechanics of the intact BCU. However, breakdown and/or loss of AC tissue
as observed with late stage osteoarthritis (Hwang et al, 2008; Saarakkala et al,
2010) may make alterations in the permeability of calcified tissues more influential
on the poromechanics of the BCU. The combination of modeling techniques, and
experimental data as applied herein provides insight into the poromechanical
behavior of the BCU.

In spherical indentation simulations, indentation force increased slightly when
assigned with osteoarthritic permeability values as compared to Normal permeability
values. In contrast, unconfined compression simulations predicted a decreased
compressive force for tissues when assigned with osteoarthritic permeability values.
Increased indentation force in spherical indentation simulations with higher

osteoarthritic permeability values (All OA, case 4) is due to a modification of the fluid
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flow path out of the articular surface and within AC. The increased osteoarthritic
permeability values resulted in a, ‘short circuit’ effect wherein lowered fluid
resistance in superficial zone AC isolated maximum fluid velocities near the articular
surface. Fluid flowing primarily within the superficial zone of AC and out of the
articular surface, rather than deeper into AC results in a slightly softer superficial
zone, and effectively stiffer middle and deep zones of AC. It is presently unclear if
this result is similar to what occurs in vivo with osteoarthritis. In all spherical
indentation simulations, fluid flow also occurred between the CC and AC across the
osteochondral interface; an interface which was once thought to be impermeable,
particularly in mature joints (Maroudas et al., 1968). Fluid velocity magnitudes were
approximately one order of magnitude smaller, but were not trivial, near the
osteochondral interface region as compared to velocities within AC. These results are
In agreement with contemporary studies that demonstrate molecular transport
across the osteochondral interface (Arkill & Winlove., 2008; Pan et al, 2009). In
particular, these simulations imply that altered fluid flow with osteoarthritis may
have profound consequences including a reduction in cellular signaling and cellular
nutrition in all zones of AC (Lories & Luyten, 2010; Urban, 1994; O’Hara et al., 1990)
and may contribute to mechanisms responsible for AC degradation. Furthermore,
modified molecular signaling and transport across the osteochondral interface as a
result of alterations in fluid flow likely lead to progression and worsening of
osteoarthritis symptoms including tidemark advancement and subchondral

remodeling (Burr & Gallant, 2012; Suri et al, 2007).
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Several assumptions regarding the incorporation of currently available
experimental data were required to develop the finite element models used and may
be considered limitations of this study. One critical concern lies in the lack of
available experimental data in the current literature that necessitated collecting
mechanical constants from a wide variety of sources. Ideally, all required
experimental model parameters would be obtained from a single species and
anatomical location. However, the present use of data allows for a first approximation
of the poroelastic BCU with the caveat that the results are not developed from a
comprehensive data set. The Poisson’s ratio for CC was assumed to be the same as
SCB and STB, and the modulus of CC was assumed to be one order magnitude lower
than that of the SCB (Mente & Lewis, 1994), whereas others have shown this
property to be similar across CC and SCB (Ferguson, et al, 2003; Gupta, et al., 2005;
Ferguson, et al, 2007). However, due to the relatively small deformations
experienced by calcified tissues and the large modulus difference between these hard
tissues and AC, the exact material properties used for calcified tissues have little
effect. Additionally, due to the computational expense of a more complex geometry,
the often uneven geometry of the osteochondral interface between AC and CC
(Ferguson et al., 2003; Paietta et al., 2013) was not considered. Because geometrical
features at the osteochondral interface exist at length scales that are much smaller
than the osteochondral tissues, such features would likely not significantly alter
these simulation results. STB was approximated as a continuum without a precise

trabecular structure which is appropriate as the interactions near the SCB and STB
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interface do not have a significant impact on these results (Harrigan, et al, 1988).
Last, and potentially most important to the simulation of fluid flow, the wetting fluid
in all tissues was assumed to have the same viscosity and weight as water. However,
interstitial fluid within AC and bone fluid likely have different properties than pure
water. Due to the variety of experimental inputs required in the development of this
model, the modes and simulations presented herein serve as a general, characteristic
model of the BCU that demonstrates fundamental phenomena related to interstitial
fluid flow in healthy and osteoarthritic tissues. Thus, the limitations discussed above
would minimally influence the development of a general model, whereas considering
each of these factors in future studies would certainly enable refinement of these
analyses by utilizing tissues from specific species, anatomical sites, and stages of age
and disease.

The changes in the BCU with osteoarthritis are complex, involving evolutions
in both permeability, tissue structure, and mechanics (Hwang et al., 2008; Lories &
Luyten, 2010; Burr & Gallant, 2012). This present study investigated the
consequences specifically associated with increasing permeability. However, there
are additional changes in the BCU with osteoarthritis that are not captured. For
example, alterations in the solid matrix tissues of the BCU consistent with
osteoarthritis are not simulated including AC damage and loss (Saarakkala et al,
2010; Hwang et al, 2008) and calcified tissue remodeling (Li et al, 1999; Norrdin, et
al, 1999; Burr, 2004; Botter et al, 2008). The permeability of calcified tissues is a

consequence of the geometric pore arrangement which changes during remodeling
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that occurs in osteoarthritis (Mastbergen & Lafeber, 2011; Norrdin, et al, 1999).
Expansions on the present model that incorporate remodeling are needed to consider
these factors. The permeability values used herein are assumed to be isotropic in each
zone of AC. Permeability values in AC are considered to be a consequence of the
hydrophilic nature of glycosaminoglycan molecules in addition to the structure of AC
(Maroudas et al., 1969; Federico & Herzog, 2007). Due to the anisotropic distribution
of collagen fibrils in AC, there is likely an anisotropy in the permeability of AC as
described by Nabovati et al. (2009) for general fibrous porous media. Integration of
results from additional experimental work aimed at characterizing the anisotropic
permeability of AC into this model may improve the accuracy of these results.
However, due to the relatively low volume fraction of collagen fibrils simulated here
the permeability response in AC is likely close to isotropic. Decreases in GAG
molecule density with osteoarthritis may also have profound consequences on
permeability of AC (Rolauffs et al, 2010; Temple-Wong et al., 2009). Future modeling
and experimental studies may provide additional insight into the specific
consequences of osteoarthritis, including depth-dependent permeability changes in
AC, AC damage and degeneration, and calcified tissue remodeling.

This work presents an approximation of the behavior of the BCU as a complete
poromechanical unit, and the corresponding consequences of alterations in
permeability in tissues of the BCU with osteoarthritis. Due to the limited extent of
currently available experimental data, only healthy and late-stage osteoarthritic

permeability conditions are considered. Future experimental measurements of
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permeability may be used to extend this model to include early-term and post-
traumatic osteoarthritis. Furthermore, it is not currently understood if there are
depth-dependent permeability increases in AC with osteoarthritis. Therefore, future
studies that measure the depth-dependent changes in the permeability of AC with
osteoarthritis may improve the accuracy of these results. Additionally, the
incorporation of the effects of degradations of AC and the remodeling of calcified
tissues into this model may improve the accuracy of this study. Presently, these
results help to elucidate the role that permeability plays in the poromechanics of the
BCU as well as to guide future experimental and computational studies aimed at

preventing and/or alleviating the symptoms of osteoarthritis.
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CHAPTER 4
An Evolutionary Model of Osteoarthritis Including
Articular Cartilage Damage, and Bone Remodeling in a

Computational Study

4.1 Abstract

With osteoarthritis a complex set of coupled chemical, biological, and
mechanical progressive changes have been observed to occur. The aim of this study
was to examine using a high-fidelity computational model, the evolution of the bone-
cartilage unit that incorporates articular cartilage (AC) damage, subchondral cortical
bone (SCB) remodeling, and subchondral trabecular bone (STB) remodeling as
observed to occur in osteoarthritis. A finite element model of spherical indentation
was developed with a depth-dependent anisotropic model of articular cartilage, a
calcified cartilage (CC) zone, and SCB and STB bone remodeling regions. Calcified
tissue (CC, SCB, and STB) and damage AC, material regions were integrated to
create an example finite element model of an evolutionary bone-cartilage unit. A
spherical indenter was displaced into the tissue up to a 0.1 cm indentation depth in
ten equal increments. At each increment an additional 1000 load cycles were
simulated at each step for bone remodeling. Results indicate that with indentation

loading, articular cartilage damage occurs starting at the articular surface.
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Furthermore, regions of bone remodeling were predicted to occur with a net stiffening
effect on the subchondral bone plate. Changes in indentation force were minimal
(<2%) with evolutions in AC damage and bone remodeling. However, additional
degradation and wear of AC and/or alterations in loading structure may have more
pronounced effects on the mechanical response of the bone-cartilage unit. Bone
remodeling and articular cartilage predictions are consistent with experimental
observations that articular cartilage damage begins at the articular surface and that
subchondral bone experiences a thickening (i.e. stiffening) response with OA. These
results provide an initial insight into the early-term initiation behavior of OA, and
the potential consequences of evolutions in AC, SCB, and STB, and may guide future
experimental and computational studies aimed at alleviation and/or preventing

osteoarthritis.

4.2 Introduction

Recent studies have proposed the importance of considering the complete bone-
cartilage unit (BCU), a term used by Lories & Luyten (2010), as opposed to any single
tissue, when studying the initiation and progression of osteoarthritis (OA) (Goldring
& Goldring, 2010; Burr & Gallant, 2012). For example, remodeling leading to
softening or stiffening in calcified cartilage (CC) subchondral cortical bone (SCB) and
subchondral trabecular bone (STB) have been proposed to play integral roles in the
pathogenesis of OA ( Grynpas, et al., 1991; Bobinac, et al., 2003; Burr, 2004; Burr & Gallant,

2012). Additionally, researchers have proposed that molecular communication
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channels and fluid flow between AC and calcified tissues (CC, SCB, and STB) exist
that may contribute to the evolution of osteoarthritis (Hwang et al., 2008; Pan et al., 2009;
Lories & Luyten, 2010; Suri & Walsh, 2012), emphasizing the cohesiveness of the BCU. One
study proposed that the evolution of OA symptoms occurs simultaneously in calcified
tissues and AC (Lories & Luyten, 2010). Another study hypothesized that for non-
traumatic OA, changes in bone may antedate AC damage and degradation (Goldring
& Goldring, 2010). Indeed, the contemporary consensus is that OA is a disease of the
complete BCU as a complete functional unit rather than a disease of any single tissue
(Brandt et al, 2006; Burr & Gallant, 2012). However, there is no current consensus
on how OA progresses within the complete BCU for any given loading condition.
Thus, this study sought to integrate an evolutionary computational model of the BCU
with experimental data to elucidate the changes in the mechanical response, and the
propensity to incur additional degradations of the BCU with OA.

In the calcified tissues of the BCU, many experimental studies have examined
the effects that occur with OA in synovial joints. For example, an evaluation of the
short term effects of OA induction on mice knees, observed that SCB initially thins
relative to healthy joints and then increases in thickness (Botter et aZ, 2008). Another
study observed an increased rate of SCB turnover such that the SCB is thicker and
stiffer in joints with OA (Burr, 2004). In a canine model of induced OA, initial SCB
thinning and increased bone plate porosity were observed at 10 and 20 weeks post
OA induction (Sniekers et al, 2008). Additionally, increased bone porosity, a more

textured surface, and increased osteoclast resorption pits indicating increased
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remodeling activity were observed in human femoral heads from patients with OA
(Li et al, 1999). The experimentally observed thickening of the calcified tissues in the
BCU causes an effective stiffening that may modify the strain distributions of the
healthy BCU thus resulting in progression of OA symptoms. To integrate the
evolutionary changes in SCB and STB with OA observed experimentally, this study
will use an established bone remodeling theory (Beaupré et al, 1990a; Beaupré et al,
1990b) for SCB and STB tissues within a complete BCU model to investigate the
effects of bone remodeling with OA.

AC provides a load bearing, low friction surface where relative motion occurs
in synovial joints. With OA, AC experiences chemical, mechanical, and structural
changes (Brocklehurst et al., 1984; Grushko et al., 1989; Temple-Wong et al., 2009), and in
extreme cases, complete AC erosion can occur (Pritzker, et al, 2006). Typically in AC
with OA, degeneration starts at the superficial zone (SZ) of AC and progresses away
from the articular surface into the middle zone (MZ) and the deep zone (DZ)
(Thambyah & Broom, 2007; Saarakkala et al, 2010). A weakening in the tensile
strength, likely as a result of collagen degradation and loss as well as an increase in
water contact, has been observed in AC with OA compared with healthy AC (Temple
et al, 2007; Temple-Wong et al., 2009). Furthermore, with OA, compressive and shear
moduli of AC decrease compared to healthy AC (Setton et al, 1999). Additionally, the
density of glycosaminoglycan molecules that act to resist compressive loading in AC
has been shown to decrease (Maroudas & Venn, 1977; Venn & Maroudas, 1977;

Brocklehurst et al.,, 1984; Temple-Wong et al., 2009) resulting in a weakened
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compressive response in AC with OA. To incorporate the effects of AC degeneration,
the present analysis will use a constituent-based anisotropic AC model (Stender et
al., 2015 In Review; Stender et al., 2012) with specific glycosaminoglycan and collagen
fibril damage to model AC damage with OA. The overreaching aim of this
investigation is to integrate experimental data with appropriate high-fidelity
computational modeling techniques (ie. constitutive AC damage and bone
remodeling) to elucidate the changes that take place with OA. Thus, the hypothesis
of this study is that evolutionary computational models and finite element modeling
can be used to model experimentally observed initiation and progression behavior of
OA within the complete BCU. These results may guide future work aimed at
alleviating and preventing the symptoms of OA by providing insight into how

osteoarthritis begins and progresses over time.

4.3 Materials and Methods

A finite element model of the complete BCU was implemented in the
commercial finite element analysis software Abaqus (v6.13). The user material
subroutine, or UMAT was used to model the material behaviors of AC, SCT, and STB.
In order to capture the evolution of the BCU, a previously established bone
remodeling algorithm (Beaupré, et al, 1990a, 1990b) was used to model SCB and
STB. An anisotropic constituent based damage model of AC was used to model the

superficial zone, middle zone, and deep zone of AC based on previously established
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constitutive AC models (Stender et al., 2012, 2015). Brief descriptions of the material

models used are provided below.

Bone Remodeling Model

A previously established framework (Beaupré et al, 1990a, 1990b) for
computational modeling of SCB, and STB remodeling was chosen to simulate bone
remodeling in the BCU. The daily Stress stimulus at the continuum level of SCB and

STB, Y, is calculated as follows

Py = Cnio™m ()
where n; is the number of load cycles of load type i, m = 4 is the stress exponent that
weights the importance of stress magnitude and load cycles, and o; is a continuum
level stress of load type i defined as

o; = (2EU): 2)
where E 1s continuum elastic modulus and U is the continuum strain energy density.
The calculated value of {5, for a given load type i and number of cycles is used to
determine the remodeling rate, © used here as by Carpenter and Carter (2008) and

shown graphically in figure 24.
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Figure 24. The Bone remodeling rate, 7, as a function of daily stress stimulus, {,,, based on
experimental results as used in Carpenter and Carter (2008).

The remodeling rate, 7, is the apposition-resorption rate (um/day), s, is the
daily tissue level stress stimulus as determined by cycles and loading, {,; = 50 MPa,
1s the attractor state stress where no net remodeling or resorption occurs. The bone
remodeling rate, 7, is converted to a density evolution via the following relationship

p = 7S,pAt + py 3)
where S, is the bone surface area per unit tissue volume (4 um™1), p, is the true
density of bone (i.e. the density of fully mineralized tissue), and p, is the initial
density of bone from the previous step that is initially set to 1.5818 C% for SCB, and

0.6414 C% for STB (Beaupré, et al, 1990b). The elastic modulus of SCB and STB can

be calculated using the following relationship as used by Eser et al, (2013).
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E = 3790p3 (4)

Articular Cartilage Damage Model

A previously established model (Stender et al, 2015) of constituent specific
anisotropic AC damage was implemented in this study. In this model, strain based
damage is assumed to occur either to collagen fibrils or glycosaminoglycan molecule
constituents of AC. Collagen fibrils are assumed to behave with an elastic-brittle
damage behavior wherein collagen fibrils exhibit a linear elastic behavior in tension
until an elastic damage strain parameter EY is exceeded, at which point collagen
fibrils are assumed to fail completely. Collagen fibrils are also assumed to not provide
any resistance in compression. The second Piola-Kirchoff stress tensor for the

SCOLjsimplemented as the form shown below

collagen fibril constituent with damage,
scoL = — f;’jo Jo  HEN) 9 ET Ey[1 — d}]IN®N] sin 6d6dp (5)
where Ey is the Lagrangian fibril strain in direction N, H is the Heaviside step
function operator, <p1{, is the collagen fibril tissue volume fraction in direction N, E/ is
the collagen fibril elastic modulus (MPa), dz{/ 1s the collagen fibril damage parameter
which is zero for undamaged fibrils and 1 for damaged fibrils, and 6 and ¢ are angles
within a spherical coordinate system to determine the unit direction vector N =
cos(8)sin(¢)i + sin(8)sin(¢)j + cos()k.
Glycosaminoglycan molecules are assumed to incur damage as a result of

volumetric compression. Glycosaminoglycan damage is enforced as a reduction in
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glycosaminoglycan molecule density as a smooth function of volumetric compression
that is hypothesized to result from a leeching and/or cleaving of glycosaminoglycan
molecules from AC (Rolauffs et al, 2010; Stender et al 2015). The Second Piola-

SGAG :

Kirchoff stress tensor for the glycosaminoglycan constituent with damage, 18

1mplemented as

GAG~ Q2 —B -1
SGAG — JF-1 (—al (po] ) {1 — dgas [e ( 1 ) _ e(" )]D FT (6)
where | = detF is the determinant of the deformation gradient tensor, F is the
deformation gradient tensor, a; and a, are glycosaminoglycan constituent material

constants from Stender et al. (2012), p§4¢ is the glycosaminoglycan molecule density

in the reference configuration (mg/ml), d$4% is a glycosaminoglycan damage
parameter for the maximum attainable glycosaminoglycan damage, and 8 and n are
glycosaminoglycan damage scaling parameters from Stender et al. (2015). The ground
substance matrix constituent is assumed to not incur damage and is implemented as
a compressible Neo-Hookean material with the following Second Piola-Kirchoff stress

tensor, SMAT

SMAT — y(1—-C™1) (7)
where u is the ground substance matrix shear modulus (MPa), I is the identity tensor,
and C is the right Cauchy-Green deformation tensor. The total articular cartilage
second Piola-Kirchoff solid matrix stress is calculated via the stress balance

hypothesis as shown below.

SAC — SCOL + SGAG + SMAT

151



For a complete explanation of the development and implementation of the AC
damage used here refer to Stender et al (2012, 2015). Anisotropic and depth-
dependent distributions of collagen fibrils were defined in AC based on previously
established experimental studies of collagen fibril distributions across a range of
species (Benninghoff, 1925; Minns & Steven, 1977; Aspden & Hukins, 1981; Clark
1990; Hyttinen et al, 2009) and biochemical measurements of collagen fibril volume
fraction (Williams et al, 2010) for newborn bovine AC. The primary direction of

collagen fibril alignment is listed in table 5.

Finite Element Model

A finite element model of the BCU including discrete tissue zones of superficial
zone, middle, and deep zone AC, calcified cartilage, SCB, and STB was developed and
implemented in Abaqus (v 6.13) (Figure 25). For all finite element simulations, each
discrete tissue region was attached directly to the adjacent regions using a tied
contact constraint as well as a surface-to-surface contact algorithm. Contact between
the spherical indenter and the articular surface was implemented using a frictionless
surface-to-surface contact algorithm with finite sliding. In all simulations, the
nonlinear geometric effects NLGEOM) option in Abaqus was activated. Due to the
constitutive model chosen for all AC zones, an equilibrium step was run prior to
loading for unconfined compression and spherical indentation simulations in order to
account for the pre-stress of the AC solid matrix by glycosaminoglycan molecules

(Stender et al. 2012). During the initial equilibrium loading step, remodeling in SCB
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and STB was disallowed. Indentation loading was simulated via a displacement
control boundary condition on the spherical indentation that was ramped in 0.01 cm
indentation depth increments (i.e. 10 steps) up to a 0.10 cm maximum indentation
depth. For bone remodeling, the number of loading cycles at each progressive
indentation depth was defined as n; = 1000. Thus, cycle 1 as presented in the results
represents 10,000 loading cycles with 1,000 cycles at each progressive indentation
depth. Cycle 2 as presented in the results, represents a total of 30,000 progressive
cycles (10,000 load, 10,000 unload, and 10,000 load) up to maximum indentation

depth.

Rigid and
- Impermeable spherical
indenter

—
é: e

AC s8Z
ACMZ

ACDZ
cc

SCB

STB

Fixed vertical
displacements on
exterior boundary

Figure 25. Finite element model of spherical indentation of the bone cartilage unit.
Brackets denote differential material regions including articular cartilage superficial zone
(AC S7), articular cartilage middle zone (AC MZ), articular cartilage deep zone (AC DZ),
calcified cartilage (CC), subchondral cortical bone (SCB), and subchondral trabecular bone
(STB).
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Material properties and parameters used in this model are listed in table 5. Note that
SCB and STB elastic moduli are determined by the bone remodeling algorithm

(Figure 24).
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Table 5. Material properties for articular cartilage superficial zone, middle zone, and deep
zone, calcified cartilage, subchondral cortical bone, and subchondral trabecular bone used
in this study. Superficial zone and middle zone articular cartilage values are from previous
computational (Stender et al, 2012) and experimental (Williams et al, 2010) studies for
newborn bovine articular cartilage from the patellofemoral groove. Deep zone articular
cartilage properties are a linear extrapolation of SZ and MZ values. Articular cartilage

model parameters are for a tri-constituent model composed of collagen fibrils,

glycosaminoglycan (GAG) molecules, and a ground substance matrix (MAT). In general,
these properties are intended to represent a generalized articular cartilage tissue sample
rather than from a specific source.

Parameter Description Value
U (MPa) MAT constituent shear modulus 0.001
a1 (MPa-ml*5/mg?°) GAG material constant 2.87
All Articular Carti a, (dimensionless) GAG material constant 2.50
rticular Cartilage Collagen fibril . L .
D gen fibril maximum Lagrangian
Layers Ey (length/length) fibril strain 0.15
dS4C (dimensionless) Maximum GAG damage 0.50
71 (dimensionless) GAG damage scaling parameter 0.25
E' (MPa) Collagen fibril elastic modulus 175
f ) . . .
Articular Cartilage @’ (%) qulaggn flbrl| volume fraction 3.9
. . Primarily oriented parallel to the
Superficial Zone Collagen alignment . N/A
articular surface
p§4C (mg/ml) Initial GAG molecule density 3.28
E (MPa) Collagen fibril elastic modulus 422
Articular Cartilage o (%) Collagen fibril volume fraction 5.0
Middle Zone Collagen alignment Isotropic N/A
pSAC (mg/ml) Initial GAG molecule density 4.76
E (MPa) Collagen fibril elastic modulus 670
f 0, . . .
Articular Cartilage o’ (%) qulaggn flb.rl| volume fract|.0n 6.1
. Primarily oriented perpendicular to
Deep Zone Collagen alignment ) N/A
the articular surface
pSAC (mg/ml) Initial GAG molecule density 6.24
. . E (MPa) Elastic modulus 3201
Calcified Cartilage v Poisson’s Ratio 03
Subchondral Cortical Poisson’s Ratio 032
Bone
Subchondral Trabecular Poisson’s Ratio 032

Bone

1 From Mente & Lewis, (1994)
2 From Borchers and Reichart (1983)

155



4.4 Results

A simulation of the bone-cartilage unit was run using a high fidelity
constitutive model of AC including damage to the glycosaminoglycan and collagen
fibril constituents and an established bone remodeling algorithm. A spherical
indentation simulation was developed to approximate in vivo loading in synovial
joints, and to minimize computational expense. Bone remodeling was disallowed
during the initial step, and deformations in articular cartilage as a result of
glycosaminoglycan molecule swelling pressure were not sufficient to cause damage.
During indentation loading, damage to articular cartilage collagen fibril and
glycosaminoglycan constituents was concentrated beneath the indenter and in the
superficial zone of articular cartilage (Figure 26). Indentation force at peak
displacement was calculated as 1.47 N and 1.46 N for cycles 1 and 2, respectively. As
a result of bone remodeling and AC damage, indentation force at peak indentation
depth decreased 0.4% and 0.8% following cycles 1 and 2, respectively compared with

a model without bone remodeling and AC damage.

156



COL Damage, GAG Damage,
Dcor (%) A d®4€ (%) ] B

1.720 j 3.506
1.146 B 2.339 /
AC SZ AC SZ
9973 pemz 1169 Acmz
0.000 AC DZ
{21

9000 acpz
Az
Figure 26. Contour plots of articular cartilage constituent damage results following
spherical indentation loading for collagen fibril (COL) and glycosaminoglycan (GAG)
molecule damage. The parameters Do, and d°4¢ correspond to the percentage of damaged
(Ze., completely failed) collagen fibrils, and the percentage decrease in GAG molecule
concentration, respectively. Brackets correspond to differential tissue zones including
articular cartilage superficial zone (AC SZ), articular cartilage middle zone (AC MZ), and
articular cartilage deep zone (AC DZ). Mesh lines are removed for clarity.

During loading steps, evolutions of bone density, and consequently, modulus
were predicted in subchondral cortical bone, and subchondral trabecular bone (Figure
27). A bone remodeling (i.e. stiffening) response was predicted in subchondral bone
near the interface between subchondral cortical bone and calcified cartilage where
subchondral cortical bone was 5.9% and 11.7% stiffer compared to initial stiffness
following cycles 1 and 2, respectively. At the interface between subchondral cortical
bone and subchondral trabecular bone, subchondral cortical bone was 25.8% and
64.7% stiffer compared to the initial stiffness following cycles 1 and 2, respectively. A
bone resorption (ie. softening) response was predicted towards the center of the
subchondral cortical bone region with maximum stiffness decreasing 2.8% and 6.2%
compared to the initial stiffness following cycles 1 and 2, respectively. Similarly, a
2.5% increase in stiffness was predicted in subchondral trabecular bone following

cycle 1 with no change as a result of cycle 2.
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Figure 27. Contour plot showing evolution of calcified tissue modulus as a result of
spherical indentation loading at the articular surface in subchondral cortical bone (SCB)
and subchondral trabecular bone (STB) in a plane directly beneath the indenter. An
initially uniform modulus evolved following 10,000 loading repetitions for two cycles. Egrp 18
the modulus of STB. Brackets denote differential material regions including articular
cartilage superficial zone (AC SZ), articular cartilage middle zone (AC MZ), articular
cartilage deep zone (AC DZ), calcified cartilage (CC), subchondral cortical bone (SCB), and
subchondral trabecular bone (STB). Note that each cycle as presented corresponds to a
cumulative response as a result of 10,000 varied indentation depth loading cycles.

With additional cycles of loading, the remodeling response maintained a similar

pattern through the depths of bone tissue with increased magnitudes (Figure 28).
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Figure 28. Plot showing evolution of subchondral bone modulus as a function of depth
directly beneath the spherical indenter due to remodeling from indentation loading. A
depth of 0 cm corresponds to the interface of subchondral bone and calcified cartilage, and
depth of 1 cm corresponds to the interface of subchondral cortical bone and subchondral
trabecular bone. Cycles 1 and 2 correspond to long term cyclic loading of 10,000 high strain
load repetitions of varied indentation depth.

4.5 Discussion

A model was developed with the capacity to simulate both damage to AC, SCB
remodeling, and STB remodeling in a single simulation of the BCU. This capability
enables simulation of the paramount mechanical evolutions in synovial joints with
OA. Recently, a previously established anisotropic constitutive model of AC (Stender
etal., 2012) was updated to include a strain-based elastic brittle collagen fibril damage
and volumetric compression based glycosaminoglycan molecule damage (Stender et
al, 2015) as used here to model AC. An established model of bone remodeling was
used to model time-dependent subchondral cortical and trabecular bone remodeling
(Beaupré et al, 1990a; 1990b) with a remodeling curve as used by Carpenter and
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Carter (2008). Overloading indentation simulations predicted both AC damage, SCB
changes, and STB remodeling. These results indicate that there are mechanical
effects of damage and remodeling in the BCU, and that initial changes may lead to
long term negative effects following long term loading and/or overloading scenarios.
This modeling enables previously unforeseen predictions of the BCU that may
be the initial changes that eventually lead to OA. The combination of bone remodeling
and AC damage models enables coupling of effects between evolutionary models not
previously possible, but believed to occur with OA (Radin & Rose, 1986; Burr, 2004;
Burr & Gallant, 2012). For example, AC softening as a result of damage may lead to
additional bone remodeling, and bone remodeling that leads to subchondral stiffening
may induce additional AC damage leading to a progression of OA symptoms.
Predicted changes in the overall force response as a result of AC damage and bone
remodeling were subtle, but may have progressive negative consequences in vivo. As
a result of bone remodeling and AC damage, indentation force at peak indentation
depth decreased 0.4% and 0.8% following cycles 1 and 2, respectively versus with a
model without bone remodeling and AC damage. Although bone remodeling and AC
damage did not have significant impacts on the force response of the BCU in these
results, as articular cartilage is eroded with the progression of OA it is likely that
bone remodeling plays a more significant role in the overall stiffness of the BCU. In
these simulations, bone remodeling and articular cartilage damage processes appear

to be roughly independent in the as simulated initial phases of OA. Bone remodeling
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activity is primarily present in subchondral cortical bone, and articular cartilage

damage is present only in the superficial zone (Figure 29).

Overloading Scenario

ﬂllechanically Induced

Bone Remodeling

Primarily occurs in
subchondral bone
Initially independent of articular cartilage
damage

Depth-dependent and geometry-dependent
Does not significantly increase loads on

\ articular cartilage

4

Articular Cartilage
Damage/Degradation

Starts at articular surface
Initially independent of bone
remodeling processes

Slight increase in load to rest undamaged
tissues in bone-cartilage unit

Primary concern: Loss and damage of tissue
from articular surface, worsening wear

4

Figure 29. Tissue specific evolution as a result of overloading in the bone-cartilage unit.

Comprehensive validation of these model results would require quantification

of an extensive list of experimental parameters in normal and osteoarthritic tissues

that lies far outside the scope of this study. However, a comparison of these results

to general experimental results of OA is possible to provide a limited verification of

results of this work. For example, with OA decreases in GAG concentration have been

observed to occur in AC (Appleyard, 2003; Temple-Wong et al., 2009) and are consistent

with the results of this model. Additionally, a significant decrease in the tensile

modulus of AC has been observed with experimentally induced OA (Elliott et al,

1999), suggesting that damage occurs to collagen fibrils which is again consistent
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with our observed model results. Experimental studies of osteoarthritis show that
collagen fibril damage (Hollander et al., 1995) and GAG depletion (Rolauffs et al., 2010)
Initiate at or near the articular surface, which is in agreement with the predictions
of AC damage presented herein. Additionally, several studies have observed
thickening of SCB with OA (Milz, et al., 1995; Li & Aspden, 1997; Goldring & Goldring, 2010)
which is consistent with the result of SCB stiffening calculated in this work. Future
experimental results including a complete characterization of necessary
biomechanical and biochemical parameters for a single tissue source, and
corresponding evaluation of the changes with osteoarthritis would help to improve
the validation of these results.

There are undoubtedly limitations associated with this current modeling
approach. For example, the AC damage model used here is a strain-based
formulation. Therefore, bone remodeling which may result in a general stiffening of
the joint, but does not drastically change the strain response of the BCU is not likely
to elicit damage to AC. Due to the long term time scales (i.e. days to years) of the bone
remodeling simulated here, short term effects (i.e. seconds to hours) attributed to
viscoelasticity, and poroelasticity of tissues of the BCU are neglected. Additional
loading cycles resulted in bone stiffness values as a result of remodeling, that were
beyond reasonable limits, and so were excluded from the analysis in this manuscript.
Also, this model incorporates a wide variety of input parameters from differential
sources, and thus does not represent a specific site and/or source of data but rather a

generalized BCU model. Additionally, precise joint geometry and structure may play
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a role in the response of this model, particularly with regards to the bone remodeling
response, which is likely influenced by joint geometry. Further experimental work to
establish a more comprehensive set of biochemical, mechanical, and geometric
parameters for a single site and source would likely improve the accuracy of these
results. Despite the limitations of this model, these results provide insight into the
specific long-term mechanical response of the BCU that ultimately may contribute to

OA initiation and progression.
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CHAPTER 5

Conclusions

The studies described in the preceding chapters were conducted 1) to develop
and implement a constitutive damage model in order to simulate the degradation
behavior of articular cartilage consistent with osteoarthritis, 2) to establish a
poroelastic finite element model of the bone-cartilage unit to demonstrate the in vivo
effects of increases in permeability as observed experimentally with osteoarthritis,
and 3) to model the initiation and progression behavior of osteoarthritis by combining
the articular cartilage damage model from 1, with an established bone remodeling
algorithm. The principal findings of these studies are summarized below and

suggestions for further related research directions are discussed.

5.1 Summary of Results

Articular cartilage damage behavior, including incremental damage and
complete tissue failure was simulated using a constitutive damage model with strain-
based damage criteria for collagen fibrils and glycosaminoglycan molecules (Chapter
2). Collagen fibril Lagrangian failure strain, EP?, was the primary factor in the
progressive damage and failure behavior of articular cartilage in uniaxial stress in
tension loading. Although the value of EY is currently unknown for healthy articular

cartilage, Chapter 2 includes a parameter study using Ef = 0.15,0.30,0.45 to
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demonstrate that the articular cartilage response varied greatly with differential
values of EY. Glycosaminoglycan damage was assumed to result from a leaching
and/or cleaving of glycosaminoglycan molecules as a result of volumetric compression.
Decreases in glycosaminoglycan molecule concentration are observed to occur with
overloading (Rolauffs et al 2010) and with osteoarthritis (Maroudas & Venn, 1977;
Temple-Wong et al. 2009). The constituent articular cartilage damage model from
Chapter 2 developed a capability to model fully anisotropic collagen fibril damage and
glycosaminoglycan molecule concentration decreases in 3-D analyses. Indentation
damage simulations indicated that both collagen fibril and glycosaminoglycan
damage initiate in the superficial zone of articular cartilage; a result that is
consistent with experimental observations of early-term osteoarthritis (Hollander et
al, 1995). All damage model results from Chapter 2 are subject to an inherent mesh
dependent localization of damage wherein damage can only occur within model
element length scales. Therefore, the location of damage is dependent on the mesh
size. The capability to model articular cartilage damage will enable future studies of
the mechanical response of articular cartilage and degradations and failures with
osteoarthritis and traumatic injuries.

Considering the simultaneous permeable behavior of all tissues of the bone-
cartilage unit including articular cartilage, calcified cartilage, subchondral cortical
bone, and subchondral trabecular bone in a fully poroelastic model showed that the
permeability of articular cartilage is the controlling parameter in the poroelastic

response of the bone-cartilage unit (Chapter 3). In contrast, the permeabilities of
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calcified cartilage, subchondral cortical bone, and subchondral trabecular bone had a
negligible effect on the poromechanics of the bone-cartilage unit. The poroelastic
behavior of the bone-cartilage unit was shown to be dependent on loading and
boundary conditions. For example, unconfined compression loading expelled fluid out
of the free radial boundary, and spherical indentation expelled fluid from the
articular surface. While articular cartilage permeability and boundary conditions
play an important role, there are additional biomechanical factors that are also
influential on the poromechanical response of the bone-cartilage unit including
osteoarthritis.

Osteoarthritis has been shown to lead to an increase in permeability in all
tissues of the bone-cartilage unit (Setton et al, 1995; Hwang et al, 2008). Increases
in permeability as measured with osteoarthritis were shown to decrease the peak
compressive force magnitude in unconfined compression, and to slightly increase the
maximum indentation force in spherical indentation simulations. For spherical
indentation simulations with healthy permeability properties, appreciable fluid
velocities were present in all articular cartilage zones. However, appreciable fluid
velocities were present only in the superficial zone with osteoarthritic bone-cartilage
unit permeability properties. The osteochondral interface, or the transition from
articular cartilage to calcified cartilage which was previously considered to be
impermeable to fluid flow (Maroudas et al, 1968) has been recently experimentally
shown to be permeable (Hwang et al, 2008). In spherical indentation simulations,

fluid flow across the osteochondral interface that is consistent with contemporary
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experiments was predicted (Akrill & Winlove, 2008; Pan et aZ, 2009). Overall, these
results demonstrate the importance of considering the poromechanics of the complete
bone-cartilage unit when studying the in vivo poromechanical response of
osteochondral tissues subject to healthy and osteoarthritic conditions.

Subchondral bone remodeling and articular cartilage damage/degradation may
simultaneously occur, but they progress as independent processes during early-stage
osteoarthritis (Chapter 4). Although experimentalists have quantified that both
articular cartilage damage/degradation and subchondral bone remodeling occur with
osteoarthritis there was not a clear understanding of which came first, or if there are
coupling effects between bone remodeling and cartilage damage (Burr, 2004; Burr &
Gallant, 2012). Simulation results indicate that damage to articular cartilage occurs
in the superficial zone and remodeling with occurs primarily in subchondral cortical
bone. Due to the already vast stiffness mismatch between articular cartilage and
bone, remodeling in subchondral cortical and trabecular bone does not drastically
alter the response of the bone-cartilage unit, or the loads seen in articular cartilage.
Displacement controlled simulations showed a diminished peak load response (~2%
decrease in peak load) with AC damage and bone remodeling that may lead to
progression of damage and increased displacements in articular cartilage under
normal loading conditions. Based on these simulation results, the initial response to
overloading in the bone-cartilage unit is independent articular cartilage damage and

subchondral bone remodeling. However, it is possible that progression towards late-
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stage osteoarthritis involves further coupling between the effects of bone remodeling

and articular cartilage damage.

5.2 Discussion of Future Research Directions

5.2.1 Experiments to Refine Modeling Results

The models developed and implemented in this dissertation require a wide
variety of iInput parameters that must be obtained through experimental
measurements. Thus, the modeling results as presented are inherently dependent on
experimental measurements, and the availability and quality of experimental data.
Additionally, there is a considerably large variability in data obtained from biological
specimens making the analysis of a wide variety of biochemical, and biomechanical
parameters difficult. One set of studies combined biochemical, biomechanical, and
1maging data with a computational model to examine articular cartilage tissue from
a specific location, age, and species (Williams et al, 2010; Stender et al, 2012).
However, due to the ambitious modeling goals developed in this dissertation, it was
not practical to develop a completely comprehensive data set as required for all
simulations. Additional experimental studies with results that could be directly
implemented to improve the accuracy of the models developed in this dissertation are
described briefly below.

Experimental data could be easily and directly input into the models developed

herein to improve the accuracy of modeling predictions. For example, uniaxial stress
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in tension to failure data for articular cartilage can be used to establish a value for
collagen fibril failure strain, Ef in Chapter 2. Using newborn bovine articular
cartilage from the patellofemorral groove would enable expansion of previous results
(Williams et al, 2010; Stender et al, 2012). Experimental measurements of
permeability at different depths in osteoarthritic articular cartilage would eliminate
the need to assume a uniform increase in permeability with osteoarthritis across all
cartilage depths as done in Chapter 3. Currently, the bone remodeling response used
in chapter 4 is as determined for the diaphysis of long bones, yet is applied to
remodeling of subchondral cortical and trabecular bone. More precise measurements
of subchondral bone remodeling could improve the accuracy of the bone remodeling
simulated in chapter 4. Certainly, additional experimental results including the
studies outlined above, would improve the confidence and accuracy of the

computational results presented throughout this dissertation.

5.2.2 Modeling Based Extensions

In addition to the incorporation of higher quality and more specific
experimental inputs, there are a number of improvements that could be made in
future studies to improve the modeling-centric results developed here. The mesh-
dependent localization of damage as discussed in detail in section 2.6 could be
eliminated through the implementation of nonlocal effects and/or gradient enhanced
damage methods (Peerlings et al., 2001). The results in Chapter 2 could be extended

to include the long-term cyclical fatigue damage behavior of articular cartilage
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observed experimentally in tension (Weightman, 1976). Although not practical for
this work due to the extreme computational expense, the incorporation of a physically
realistic joint geometry would improve the relevance and applicability of the results
from chapters 3 and 4. Furthermore, the development of a model of articular cartilage
that is capable of simulating complete articular loss and/or wear, perhaps through
element deletion criteria, would enable the simulation of late-stage osteoarthritis
rather than only the early-stage osteoarthritis results in chapter 4. Additional
development of the computational work in presented in these chapters would further
the understanding of the mechanics of synovial joints and the initiation and

progression behavior of osteoarthritis.

5.2.3 Translational Considerations

In addition to the relevance of this work to researchers considering the
mechanics of the bone-cartilage unit and osteoarthritis, there are additional areas of
research that may glean inspiration from these results. Through an improved
understanding of the in vivo mechanics of the bone-cartilage unit, tissue engineering
researchers may find value in the results of this dissertation while developing
biomimetic engineering solutions to treat osteoarthritis and other biomechanical
ailments. Additionally, the results from chapter 3 show perhaps counterintuitive
results regarding the behavior of complex materials composed of tissues possessing
differential permeabilities that may be of interest to researchers studying related

problems in soil mechanics. This work also demonstrates the mechanics of interfaces
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between mechanically mismatched materials, primarily articular cartilage, calcified

cartilage, and subchondral bone. Such mechanical mismatches can occur in other

engineering situations such as in fuel cells composed of differential material

elements, or aircraft parts composed of composites materials and aluminum that

must be interfaced. In the osteoarthritis research community, future experimental

and computational studies seeking both an improved understanding of the mechanics

of the bone-cartilage unit in healthy and osteoarthritic conditions may lead to vastly

improved treatment techniques and quality of life for patients suffering from

osteoarthritis.
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