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In osteoarthritis, articular cartilage degenerates and eventu-
ally wears out, resulting in pain and disability. It is a major
challenge in health care to prevent osteoarthritis or slow
down the progression of the disease.The onset of osteoarthri-
tis may result from an altered stress and strain state in carti-
lage, for example, due to an injury of ligament, cartilage, or
meniscus. However, the disease progression is patient specific
and can hardly be predicted. In order to assess the articular
cartilage function and possible failure sites in joints, and to
evaluate the onset and progression of osteoarthritis patient-
specifically, computational models may become useful tools.
Although there has been significant progress over the last
years, these models need to be further developed before they
may eventually become of direct clinical value.

For clinical, patient-specific application of a computer
model, a realistic description of joint geometry, joint kine-
matics, and tissue loading is ultimately required. Geometrical
data can be obtained from imaging modalities, such as MRI,
which become increasingly more detailed. Still, meshing
of such information and running computational simula-
tions of such meshes is challenging. Simulation analysis of
joint kinematics is computationally expensive and requires
knowledge of the kinematic constraints as a consequence of
muscles and ligaments, including, for instance, pre stresses
and attachment sites of ligaments. In many cases, 3D and/or
kinematic simulations are still more feasible in combination
with simpler material models for cartilage. More advanced
material descriptions are required for a more detailed inves-
tigation of mechanical conditions inside cartilage. However,

these are essential to move forward in our understanding
of the relationship between mechanical loading, cartilage
damage, and osteoarthritis.

A wide variety of cartilage models have been developed
and employed to evaluate the mechanical behavior at the
cell, tissue, and joint level. They have been used to evaluate
static and dynamic tissue behavior, to explore effects of
mechanical and biochemical loading, and even to predict
tissue adaptation at the long time scale.The expectation is that
such models may be taken to the next level, where patient-
specific characteristics are incorporated in 3D kinematic joint
models.

Given the composite structure of cartilage with the
collagen fibril network, proteoglycan matrix, and fluid, this
special issue has a focus on the development and application
of fibril-reinforced models at different scales. A review of the
fibril-reinforced tissuemodels and their application in the cell
level is presented (P. Julkunen et al.). Practical considerations
in modeling applications and model limitations are further
discussed. A thorough review of recent advances in com-
putational modeling of human knee joints is also presented
(M. Kazemi et al.). Creation of knee joint models starting
from imaging data (such as MRI) is summarized, clinical
applications of the models are discussed, and examples are
given for patient-specific evaluation of knee joint mechanics.
Furthermore, influence of the altered depth-dependent prop-
erties of cartilage in osteoarthritis on fluid pressurization in
a knee joint is demonstrated (Y. Dabiri and L. P. Li). Since
generation of computational finite element models of knee
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joints is time-consuming and model simulation times can
be relatively long, a semiautomated method is presented to
study tibiofemoral contact stresses of adult subjects (D. D.
Anderson et al.).

Combination of experimental measurements and model-
ing is reviewed and model validation in cell, tissue, and joint
level is discussed (P. Julkunen et al. and M. Kazemi et al.).
Specifically, experimental results on the depth-dependent
microstructural response of cartilage under directly loaded
and unloaded regions are presented (A. Thambyah and N.
Broom). Loading-related changes in chondron aspect ratios
at different zones are also shown. These results can be
used for the validation and development of computational
models incorporating higher degrees of structural realism.
Further, experimentally measured chondrocyte deformation
behavior under mechanical loading of the tissue is presented
for normal and osteoarthritic cartilage (P. Tanska et al.).
Computational multiscale modeling is applied to explain
differences in the cell behavior between the aforementioned
groups. Finally, potential future directions in the application
of multiscale models for the evaluation of cell responses and
disease progression in knee joints are addressed (P. Julkunen
et al.).

Recent advances in the development of computational
models of articular cartilage, as partially demonstrated in
this special issue, and models of joints with realistic patient-
specific material descriptions and joint kinematics have
brought clinical application closer.More advanced adaptation
models, likely combinations of models addressing different
length scales, should ultimately lead to the prediction of
altered tissue properties and wear, which strongly correlate
to the development of osteoarthritis. Ultimately, computa-
tional modeling may become a clinical tool for identifying
or optimizing patient-specific treatment strategies, such as
rehabilitation and surgical interventions.

Rami K. Korhonen
Petro Julkunen

LePing Li
Corrinus C. van Donkelaar
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The function of articular cartilage depends on its structure and composition, sensitively impaired in disease (e.g. osteoarthritis,
OA). Responses of chondrocytes to tissue loading are modulated by the structure. Altered cell responses as an effect of OA may
regulate cartilage mechanotransduction and cell biosynthesis. To be able to evaluate cell responses and factors affecting the onset
and progression of OA, local tissue and cell stresses and strains in cartilage need to be characterized. This is extremely challenging
with the presently available experimental techniques and therefore computationalmodeling is required.Modernmodels of articular
cartilage are inhomogeneous and anisotropic, and they include many aspects of the real tissue structure and composition. In this
paper, we provide an overview of the computational applications that have been developed for modeling the mechanics of articular
cartilage at the tissue and cellular level.We concentrate on the use of fibril-reinforcedmodels of cartilage. Furthermore, we introduce
practical considerations for modeling applications, including also experimental tests that can be combined with the modeling
approach. At the end, we discuss the prospects for patient-specific models when aiming to use finite element modeling analysis and
evaluation of articular cartilage function, cellular responses, failure points, OA progression, and rehabilitation.

1. Introduction

As a fluid-saturated composite tissue, articular cartilage pro-
vides smooth sliding at joint surfaces. Articular cartilage also
absorbs forces and reduces stresses experienced by bones.The
extracellular matrix (ECM) of cartilage can be divided in two
phases: solid and fluid.The solid phase is primarily composed
of cartilagematrix proteins: proteoglycans (PGs) and collagen
(mainly type II). Cartilage also contains chondrocytes, that
is, articular cartilage cells, which are surrounded by a thin
layer called the pericellular matrix (PCM).The characteristic
fibrous structure of the ECM is a result of depth-wise
remodeling of the collagen fibril network during maturation

[1–4] and represents a three-layer laminar architecture in
adults (Figure 1) [5]. The collagen network is known to be
arranged into parallel planes, revealing split-line patterns
in cartilage surfaces [5]. The well-organized collagen fibril
bundles link to each other with smaller cross-link chains.

The mechanical response of articular cartilage is deter-
mined by the tissue composition and structure [6–10]. Due
to the fixed negative charges of the PGs, the total ion con-
centration inside the tissue is higher than in the surrounding
synovial fluid (cation concentration is higher and the anion
concentration is lower), which leads to a difference in osmotic
pressure that results in tissue swelling [11]. The swelling
pressure modulates the shape and volume of the tissue by
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Figure 1: Presentation of the collagen network organization in
maturing articular cartilage based on articular cartilage from rabbit,
pig, and sheep [1–4].Whenmaturing, a nonorganized collagen fibril
network slowly forms into a traditional Benninghoff-type arcade
structure. At the same time, cartilage thickness is decreased [1, 2,
4, 15].

controlling the fluid content of the tissue [12]. The collagen
network of the ECM stabilizes the matrix by balancing the
expansion caused by the swelling pressure [13, 14].

The collagen network is believed to mainly affect the
response of cartilage under dynamic or instantaneous loading
[6, 7, 19–22], while its direct impact on the equilibrium
response is minor [6, 7, 19, 21]. Oloyede and Broom utilized
a consolidation theory and experiments to understand the
role of interstitial fluid flow for the mechanical response
and deformation behavior of loaded cartilage tissue [23–25].
During loading the interstitial fluid flows within the cartilage
solid matrix. The flow velocity is determined by the induced
fluid pressure and matrix permeability. Since the fluid flow is
restricted by the cartilage matrix during mechanical loading,
the internal pressure of the tissue increases. Therefore, the
interstitial fluid also directly affects the dynamic and instan-
taneous mechanical responses of cartilage.

Chondrocytes produce the ECMmatrix components.The
activity of chondrocytes is affected by genetic and envi-
ronmental factors, electrokinetic forces, mechanical forces,
and fluid pressurization. Chondrocytes change shape and
volume in response to mechanical loading of cartilage [26–
28]. The ECM and PCM possess organized collagenous
structures, and the collagen fibril orientation is affected by
local tissue strains [10], which further modulate cell shape
and volume [27]. Consequently, these factors modulate the
PCM and ECM composition [29–31]. Through a sequence of
mechanobiological events, the mechanical signals from the
ECM are converted into intracellular responses, which serve
tomaintain or alter cartilage ECM.The PCM around the cells
acts as a transducer for the biomechanical and biophysical

signals perceived by the cells and thus alters the cell activity
[30].

Osteoarthritis (OA) is a joint disease, characterized by the
progressive degeneration of articular cartilage. PG depletion
occurs in the superficial cartilage during the early stage
of OA [32–35]. Simultaneous alterations in the collagen
network also take place [32, 35–37]. These alterations include
a dramatic change in orientation of the superficial collagen
fibrils [32, 34, 38, 39] and a reduction in the collagen content
[34]. Thereby, these changes increase cartilage hydration via
intake of water. Subsequently, tissue permeability increases.
Together, these changes impair the mechanical function of
cartilage by decreasing its mechanical stiffness [32], which
may further accelerate the progression of OA. As a result
of the OA changes in tissue composition and structure, the
extracellular osmolarity increases. This results in increased
cell volume, which may in turn affect tissue biosynthesis and
cartilage mechanotransduction.

Changes in the cartilage structure and composition can
be revealed by using in vivo imaging techniques, such as
magnetic resonance imaging (MRI) or contrast-enhanced
computed tomography (CECT) or in vitro techniques such
as quantitative microscopy [2, 34, 40–46]. However, these
imaging techniques alone are unable to quantify mechanical
characteristics of cartilage that are critical to the demanding
mechanical function in the joint. Instead, computational
modeling in conjunction with imaging techniques is needed
to predict the mechanical performance of cartilage and other
tissues during joint loading [17, 32, 47–53].

Chondrocyte responses to osmotic ormechanical loading
have been experimentally characterized by using confocal
or dual-photon microscopy [54–56]. In earlier studies, both
mechanical responses, for example, volume and morphology
changes, and biological responses, such as Ca2+ signaling,
have been characterized [54–57]. The measurements have
traditionally been conducted on isolated cells or chondro-
cytes have been measured through the cut surface of tissue
explants. Recently, cell responses to loading have also been
conducted in situ using fully intact tissue samples, providing
more physiological environment for cells [55, 56]. Like at
the tissue level, the stresses, strains, and fluid flow in and
around the cells cannot bemeasured experimentally. It is also
experimentally challenging, if not impossible, to specifically
investigate the roles of different cartilage constituents (e.g.,
collagen, PGs, fluid, and ions) on the cell responses. There-
fore, computational models have been employed [58, 59].

The modern fibril reinforced computational models of
articular cartilage may be implemented to include inhomo-
geneous tissue composition and complex structure [8, 32,
53, 59–68]. These models can simulate nonlinear behavior
of the tissues, caused by tissue anisotropy and inhomo-
geneity. Cartilage models have been employed to evaluate
the mechanical behavior of cartilage at the cell, tissue, and
joint level, to evaluate static and dynamic tissue behavior, to
explore the effects of mechanical and biochemical loading,
and to predict tissue remodeling, growth, and adaptation over
time. As a next step, the 3D models may be developed and
validated to include patient-specific tissue characteristics.
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Ultimately, theymay then become clinical tools for predicting
the progression of OA and thus for identifying or optimizing
patient-specific treatment strategies. To achieve this goal, a
smooth transition is needed from joint-level models to cell-
level imaging and modeling. This could help to characterize
the effects of joint loads on tissues, and cells, to investigate
possible failure sites in tissues, and to predict cell-based
tissue adaptation to loading in normal and diseased joints.
In this paper, we concentrate on cell- and tissue-level models
and point out their future possibilities. Theories of present
fibril reinforced models are reviewed, and major challenges
in validation and application of these models are critically
discussed.

2. Review of Fibril Reinforced Computational
Models of Articular Cartilage

This paper focuses on the application of fibril reinforced
mixture models. The application of fibril reinforcement in
the models is justified by the heavily influential collagen
fibril network for the cartilage mechanical behavior [69, 70].
Oloyede and Broom considered that there are six aspects
influencing the deformation behavior of cartilage which a
theoretical or physical model should incorporate [71]: (1) the
rate of fluid outflow from the tissue matrix, (2) the diffusion
process or movement of interstitial fluid between adjacent
regions of the matrix, (3) deformation dependent perme-
ability, (4) loading-rate-dependent viscous drag, (5) physico-
chemistry and osmotic swelling, and (6) the nonlinearity
of the stress-strain characteristic of the solid skeleton or
structural framework.

It is known that articular cartilage exhibits viscoelastic
behavior [72–77]. The viscoelastic behavior is often divided
to flow-dependent and flow-independent behavior [74, 78].
Prior to the development of fibril reinforced models, the
biphasic mixture theory (fluid and solid phase) was intro-
duced for cartilage by Mow et al. [78]. Use of the biphasic
(and poroelastic) material models can at least partly account
for the flow-dependent viscoelastic behavior, which arises
from fluid flow within a porous material with low per-
meability [75, 76, 79–84]. The biphasic mixture theory has
been demonstrated to agree well with direct experimental
measures of fluid pressurization [23, 24, 83, 85]. While
the theory was considered successful in many aspects, it
failed to predict certain mechanical behavior observed under
mechanical tests [86, 87]. The models were improved by
transversely isotropic elastic [88] and conewise linear elastic
[85] implementation of the solid matrix. Use of biphasic
transversely isotropic models produced better curve fits as
compared to biphasic linear elastic models [88, 89]. The
transversely isotropic models were able to capture one aspect
of the compression-tension nonlinearity of a cartilage having
different mechanical properties in the direction of compres-
sion and perpendicular to that direction. However, those
models could not account for the experimentally observed
compression-tension nonlinearity, caused by the collagen fib-
rils, measured between compressive and tensile tests [21, 90,
91].The conewise linear elastic model overcame this issue via

a bimodular approach setting the material properties in the
model different during compressive and tensile strain [85].
Soulhat et al. [92] implemented a composite fibril reinforced
biphasic model in which the collagen fibrils were represented
as springs over the solidmatrix, resisting deformation only in
tension. These are evolutionary steps taken towards present
models used to simulate the mechanical behavior of articular
cartilage. Further development of modern fibril reinforced
models from that introduced by Soulhat et al. is reviewed later
in this section.

Since it has been difficult to separate the flow-independ-
ent from the flow-dependent viscoelasticity, it has been ques-
tioned whether cartilage possesses flow-independent vis-
coelastic properties at all [80, 81, 93]. Some experimental evi-
dence supports the existence of flow-independent viscoelastic
properties in cartilage [94–99], which can partly be attributed
to the collagen fibrils and partly to a lesser extent to the non-
fibrillar matrix or their interaction [97, 100–105]. For mod-
eling cartilage as a biphasic viscoelastic material, Mak [106]
combined the biphasic theory with a quasilinear viscoelastic
theory for the solid matrix by Fung [107]. This allowed
for the separation of flow-dependent and flow-independent
viscoelasticity. The more recent fibril reinforced models
developed for articular cartilage have often implemented the
fluid-independent viscoelastic behavior of the nonfibrillar
solid, viscoelastic fibrils, or both [8, 12, 18, 68, 81, 108].

Recent mechanical simulation studies including articular
cartilage have often implemented a fibril reinforced material
model. However, for more complex geometries, the imple-
mentation of fibril reinforced articular cartilage is often omit-
ted. Mostly, these approaches are used when implementation
of fibril reinforcement is considered unnecessary (justified
simplification) for the aim of the study.The inclusion of fibril
reinforcement may sometimes be unnecessary due to the
role of articular cartilage for the simulated result. Excessive
computational cost may provide reasoning for simplification
of the cartilagematerial model. For instance, it is still custom-
ary to model articular cartilage as isotropic elastic material
during complete joint simulations [109–113]. However, recent
models of a joint have included fibril reinforcement when
simulating joint mechanics with focus on cartilage [53, 114–
117]. Adouni et al. found that use of a fibril reinforced model
in a total knee joint model exhibited larger contact pressures
at knee joint contact surfaces when comparing to a simplified
isotropic material model [114]. Often, the use of simplified
material implementation is justified due to the short-term
type of simulation during which viscoelastic behavior does
not play a great role and articular cartilage appears as
an incompressible and elastic solid [87]. Simplifying the
material behavior of articular cartilage as an incompressible,
single-phase material is appropriate when rapid loading
with short duration is investigated. The equivalence of the
short-time biphasic and incompressible elastic responses has
been demonstrated [118]. In the following, we present fibril
reinforced mixture models more in detail.

2.1. Tissue-Level Fibril Reinforced Models. The fibril rein-
forcedmodeling of articular cartilage at the tissue level started
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Table 1: Development of fibril-reinforced biphasic biomechanical models of articular cartilage.

Material model Total stress Primary material parameters References
Fibril-reinforced poroelastic 𝜎

𝑡
= 𝜎
𝑛𝑓
+ 𝜎
𝑓
− 𝑝I 𝐸

𝑓
, 𝐸
𝑛𝑓
, ]
𝑛𝑓
, 𝑘 [7, 119, 131]

Fibril-reinforced poroviscoelastic 𝜎
𝑡
= 𝜎
𝑛𝑓
+ 𝜎
𝑓
− 𝑝I 𝐸0

𝑓
, 𝐸𝜀
𝑓
, 𝜂, 𝐸
𝑛𝑓
, ]
𝑛𝑓
, 𝑘 [17, 18]

Fibril-reinforced poroviscoelastic swelling 𝜎
𝑡
= 𝜎
𝑛𝑓
+ 𝜎
𝑓
− Δ𝜋I − 𝜇

𝑓
I 𝐸

0

𝑓
, 𝐸𝜀
𝑓
, 𝜂, 𝐸
𝑛𝑓
, ]
𝑛𝑓
, 𝑘, 𝑐
𝐹

[12]
𝜎𝑡: total stress;𝜎𝑛𝑓: stress of the nonfibrillarmatrix;𝜎𝑓: stress of the fibrillarmatrix;𝑝: fluid pressure; I: unit tensor;Δ𝜋: osmotic pressure gradient; 𝜇𝑓: chemical
potential of fluid.

in the late nineties. Then for the first time, a model included
specifically both the collagen network and the poroelastic
matrix (PGs and fluid) [119]. Since then, development of
computational models of cartilage has advanced quickly to
include complex material characteristics models with more
realistic behavior (Table 1). The main features of the fibril
reinforced models of cartilage tissue are presented below.

The first fibril reinforced models were composed of
the fibrillar part, representing the collagen fibrils, and the
nonfibrillar part, mimicking the porous material (mainly
PGs) filled with fluid [7, 119]. Total stress (𝜎

𝑡
) in this material

can be expressed as:

𝜎
𝑡
= 𝜎
𝑛𝑓

+ 𝜎fibril − 𝑝I, (1)

where 𝜎
𝑛𝑓

is the nonfibrillar matrix stress, 𝜎fibril is the fibril
network stress, p is the fluid pressure, and I is the unit tensor.

2.1.1. The Nonfibrillar Matrix. The nonfibrillar part was
modeled as linear elastic material in the original models
obeying Hooke’s law, while at larger strains a hyperelastic,
Neo-Hookean material description is preferable [17, 18]. The
constitutive equation for the Neo-Hookean material is

𝜎
𝑛𝑓

=
2

𝐽
𝐶
10
(𝐵 −

1

3
tr (𝐵) I) +

2

𝐷
1
(𝐽 − 1) I

, (2)

where 𝐶
10

and 𝐷
1
are temperature-dependent material

parameters, 𝐵 is Cauchy-Green deformation tensor, and 𝐽

is the elastic volume ratio. The material parameters can be
expressed as

𝐶
10

=
𝐺
0

2
, 𝐷

1
=

3 (1 − 2]
𝑛𝑓
)

𝐺
0
(1 + ]

𝑛𝑓
)
, (3)

where𝐺
0
is the initial shearmodulus and ]

𝑛𝑓
is Poisson’s ratio

of the nonfibrillar matrix. The shear modulus can be defined
via Young’s modulus of the nonfibrillar matrix (𝐸

𝑛𝑓
) and ]

𝑛𝑓
:

𝐺
0
=

𝐸
𝑛𝑓

2 (1 + ]
𝑛𝑓
)
. (4)

Fluid flow in the nonfibrillar matrix has been generally
modeled with Darcy’s law:

𝑞 = −𝑘∇𝑃, (5)

where 𝑞 is the flow rate, k is the permeability, and ∇𝑃 is the
pressure gradient across the region.The permeability 𝑘 can be

defined to be dependent on the porosity and void ratio, that
is, ratio of fluid to solid fraction, for example, according to the
following equation given by van der Voet [120]:

𝑘 = 𝑘
0
(
1 + 𝑒

1 + 𝑒
0

)

𝑀

, (6)

where 𝑘
0
is the initial permeability, 𝑒

0
and 𝑒 are initial

and current void ratios, and 𝑀 is a positive constant [18,
120]. To be consistent with experimental findings, the fluid
fraction that is used to compute the void ratios has also been
implemented in the models in a depth-dependent manner
over the cartilage thickness [18, 61, 64, 121–123]. In the end, the
required material parameters for the nonfibrillar matrix of
cartilage are Young’s modulus (𝐸

𝑛𝑓
), Poisson’s ratio (]

𝑛𝑓
), and

permeability (𝑘
0
). To include the effect of fibril reinforcement

in the permeability, Federico and Herzog implemented the
anisotropy of permeability by considering the orientation of
the collagen fibrils in any given location in the tissue in the
undeformed state [124]. Few recent studies have also consid-
ered intrinsic anisotropy of permeability due to the collagen
fibrils [67, 125, 126]. Imaging studies measuring diffusion of
water within the cartilage matrix have observed anisotropy
of diffusion, mainly affected by the general collagen fibril
orientation [127–129]. In addition, the variation in excess pore
pressure in the different directions parallel and perpendicular
to the surface of cartilage provides experimental support
for the implementation [130]. If we were to include the
anisotropy of permeability in (6), the results would be

𝑘
||
= 𝑘
0

||
(
1 + 𝑒

1 + 𝑒
0

)

𝑀||

,

𝑘
⊥
= 𝑘
0

⊥
(
1 + 𝑒

1 + 𝑒
0

)

𝑀⊥

,

(7)

where 𝑘0
||
and 𝑘

||
are the initial and current permeability

in the direction of collagen fibrils, respectively, 𝑘0
⊥
and 𝑘

⊥

are the initial and current permeability across the collagen
fibrils, and 𝑀

||
and 𝑀

⊥
are material parameters. Ratio of 𝑘

||

and 𝑘
⊥
in any given point in the model would then depend

on the orientation of the collagen fibrils.

2.1.2. Collagen Fibril Network. We divide the fibril reinforce-
ment models into three types: (1) transversely isotropic [69,
88, 134] or conewise linear elastic [85], (2)fibril reinforcement
with membrane elements or springs [7, 119, 131], and (3)

vector-based fibril reinforcement [8, 12, 18, 68, 108, 135].
These types of models have been applied to simulate articular
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cartilage mechanics during the past decade. We will mainly
focus our paper on the vector-based fibril reinforcement.

In the early fibril reinforced models, the fibrillar matrix
mimicked the mechanical effect of the collagen fibrils of
cartilage [119]. The properties of the fibril network were
controlled by Young’s modulus of the fibril network (𝐸

𝑓
).

The elastic properties of the fibril network were further
characterized with a nonlinear relation as such relation has
been reported in the literature [136]:

𝐸
𝑓
= 𝐸
0

𝑓
+ 𝐸
𝜀

𝑓
𝜀
𝑓
, for 𝜀

𝑓
> 0, (8)

𝐸
𝑓
= 0, for 𝜀

𝑓
≤ 0, (9)

where 𝐸0
𝑓
is the initial fibril network modulus, 𝐸𝜀

𝑓
is the

strain-dependent fibril network modulus, and 𝜀
𝑓
is the fibril

strain [7, 119]. Fibrils were presented with spring elements
[7, 119]. Another approach was to use nonlinear membrane
elements [131]. As noticed from (8) and (9), the characteristic
feature of the fibrils is that they resist only tensile forces.
This is a major difference between transversely isotropic and
spring-based models, the former having the same stiffness in
compression and tension. Collagen fibrils have been demon-
strated to possess flow-independent viscoelasticity [100–102].
Therefore, the collagen fibril stresses (𝜎

𝑓
) were later modeled

as viscoelastic:

𝜎
𝑓
=

𝜂

2√(𝜎
𝑓
− 𝐸0
𝑓
𝜀
𝑓
)𝐸𝜀
𝑓

̇𝜎
𝑓
+ 𝐸
𝜀

𝑓
𝜀
𝑓

+(
𝜂𝐸0
𝑓

2√(𝜎
𝑓
− 𝐸0
𝑓
𝜀
𝑓
)𝐸𝜀
𝑓

+ 𝜂) ̇𝜀
𝑓
, for 𝜀

𝑓
> 0,

𝜎
𝑓
= 0, for 𝜀

𝑓
≤ 0,

(10)

where 𝜂 is the viscoelastic damping coefficient, and ̇𝜎 and
̇𝜀 are the stress and strain rates, respectively [17, 18]. Unlike
in type 1 and 2 models, the fibrils in the vector-based fibril
reinforced models (type 3) can be constructed into any
structural arrangement with fibril vectors (Figure 2) [18, 47,
53, 63, 68, 108].This allows for the implementation of realistic
fibril orientation to be independent of the mesh in use. The
fibril vectors ( ⃗V) can be used for determining logarithmic
fibril strain used in (10) [18]:

𝜀
𝑓
= log ‖F ⋅ ⃗V‖ , (11)

where F is the deformation tensor.
The fibrillar matrix in the model can be divided into

primary and secondary fibrils [18].The primary fibrilsmay be
assumed to represent the arcade-like collagen architecture, as
detected with the polarized light microscopy [69, 137]. This
network creates a depth-dependent tensile modulus for the
tissue. As is commonly thought the fibrils are oriented parallel
to the cartilage surface in the superficial zone, curve in the
middle zone, and turn to perpendicular orientation with

the cartilage surface in the deep zone [5]. The secondary
fibrils mimic the less organized part of the collagen network
which is observed in scanning electron microscopy [138].
When looking closely, the collagen fibrillar network appears
random but exhibits highly directional configuration overall
[37, 139]. The stresses for the primary and secondary fibrils
(𝜎
𝑓,𝑝

and 𝜎
𝑓,𝑠
, resp.) can be formulated as follows:

𝜎
𝑓,𝑝

= 𝜌
𝑧
𝐶𝜎
𝑓
, (12)

𝜎
𝑓,𝑠

= 𝜌
𝑧
𝜎
𝑓
, (13)

where 𝜌
𝑧
represents the fibril volume fraction and 𝐶 is the

density ratio of primary and secondary fibrils. The stress of
the fibril network (𝜎fibrils) is finally determined as the sum of
the stresses in each individual fibril (𝜎𝑖

𝑓,all):

𝜎fibrils =

tot𝑓

∑
𝑖=1

𝜎
𝑖

𝑓,all, (14)

where tot𝑓 is the total number of fibrils used to implement
the fibrillar structure in an integration point.

2.1.3. Extensions to Fibrillar and Nonfibrillar Matrices. Tissue
swelling is an essential part of cartilage mechanical behavior.
Swelling properties of the fixed charge density in PGs have
been presented in previous swelling cartilage models [6,
8, 12, 16, 59, 60, 64, 132, 140, 141]. Swelling of cartilage is
influenced by osmotic swelling due to an excess amount
of ion particles inside the tissue and chemical expansion
due to repulsion of closely spaced negatively charged PGs
[141, 142]. Lai et al. [143] introduced a triphasic mixture
model, which includes three phases: an incompressible solid,
an incompressible fluid, and a monovalent ionic phase. In
the triphasic model, swelling behavior is explained by three
mechanisms: Donnan osmosis, excluded volume effect, and
chemical expansion [144]. Simon et al. [145] introduced an
alternative model by including the swelling effects in fluid
equilibrium. The fundamental difference between these two
approaches is that the model by Lai et al. causes fluid flow
within the tissue, while the model by Simon et al. considers
swelling to be an integral part of the fluid in equilibrium
[141]. Olsen et al. formulated a swelling model based on Biot’s
principle of effective stress by including the swelling directly
in the effective stress [25, 141, 146]. Huyghe and Janssen
extended the triphasic theory to a quadriphasic mixture
theory which includes electric flux and potential gradients
at finite deformations [147, 148]. A biphasic swelling model
introduced by Wilson et al. [12] simplifies the triphasic and
quadriphasic models by neglecting the electrolyte flux [143,
147] and assumes that the ion concentration remains always
in equilibrium.

After including the osmotic swelling in (1), the total stress
of the material becomes

𝜎
𝑡
= 𝜎
𝑛𝑓

+ 𝜎fibril − Δ𝜋I − 𝜇
𝑓
I, (15)

where Δ𝜋 is the osmotic pressure gradient and 𝜇
𝑓
= p −

Δ𝜋 is the chemical potential of fluid [12, 59, 147, 149].
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Figure 2: Fibril orientation in the vector-based fibril reinforced models can be implemented with any given structure. The principle is that
the fibril vector is given a direction at each point in the model (a). Two examples of the implemented structure are presented [16]. On the left,
(b) an articular cartilage sample is modeled in unconfined compression geometry with a typical Benninghoff-type arcade structure including
the superficial, middle, and deep layer. On the right, (c) a submodel of the global model presented on the left is implemented with pericellular
matrix fibrils tangential to the cell surface. The extracellular matrix fibril vectors are not presented in (c) for clarity. The axis of symmetry has
been indicated.

The osmotic pressure gradient is caused by the difference in
ion concentration of the cartilage and that of the surrounding
fluid [12, 147, 149]. It is also referred to as theDonnan swelling
pressure gradient.However, themere osmotic swelling theory
seems to underestimate the amount of swelling [150]. Two
possible explanations for that are (1) the distinction of intra-
and extrafibrillar water [150] and (2) chemical expansion
[151]. The inclusion of chemical expansion further extends
(15) to

𝜎
𝑡
= 𝜎
𝑛𝑓

+ 𝜎fibril − Δ𝜋I − 𝜇
𝑓
I − 𝑇
𝑐
I, (16)

where 𝑇
𝑐
is the chemical expansion stress. This model

has been applied earlier specifically for cartilage since its
swelling properties due to the fixed charge density have a
significant role for the deformation behavior of the tissue,
especially under static loading. For the implementation of
swelling properties, values of the fixed charge density can

be obtained from experimental measurements [152, 153]. The
fixed charge density (𝑐

𝐹
) affects both osmotic swelling and

chemical expansion [142, 143]. In the biphasic swellingmodel,
chemical expansion is only a function of 𝑐

𝐹
[142]. However,

the inclusion of the chemical expansion term as proposed by
Lai et al. [143] may not be appropriate, as it conflicts with the
second law of thermodynamics. Huyghe et al. demonstrated
that the chemical expansion stress part could produce free
energy during closed loading cycles if the theory were true
[144]. Nevertheless, osmotic swelling alone may not fully
simulate the swelling behavior in cartilage [144]. However,
when splitting the fluid phase into intra- and extrafibrillar
portions [8, 150], implementation of chemical potential may
not be needed.

As discussed earlier, the swelling of cartilage is resisted
by the collagen network, inducing prestresses in the collagen
fibrils.There are also other representations to the mechanical
behavior of collagen fibrils than those presented above.
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Specifically, the nonlinear stress-strain tensile behavior of the
collagen fibrils has been presented as follows:

𝑃
1
= 𝐸
1
(𝑒
𝑘1𝜀𝑓 − 1) , (17)

𝑃
2
= 𝐸
2
(𝑒
𝑘2𝜀𝑒 − 1) , (18)

𝑃
𝑓
= 𝑃
1
+ 𝑃
2
, (19)

where 𝑃
𝑓
is the first Piola-Kirchhoff fibril stress, 𝜀

𝑓
is the total

fibril strain, 𝜀
𝑒
is the strain of the spring 𝜇

1
, and 𝐸

1
, 𝐸
2
, 𝑘
1
,

and 𝑘
2
are constants [8, 64]. Again, the stress is computed

only when the fibrils are in tension (i.e., 𝜀
𝑓
> 0 and 𝜀

𝑒
> 0;

otherwise 𝑃
𝑓
= 0).

2.1.4. Optional Solutions for Fibril Reinforced Material Sim-
ulation. The above-listed models present only the devel-
opment of one branch of fibril reinforced models, applied
in several studies. However, several other models used for
understanding cartilage mechanics and etiology of OA have
been proposed and applied as well. The principles of a few of
these optional solutions are outlined below.

Li et al. implemented spring elements to simulate fibril
reinforcement [119]. This implementation combined two
types of elements (springs and poroelastic matrix) overlaid
on top of each other. Such implementation allowed for
easy description of compression-tension nonlinearity in the
cartilage, with collagen fibrils affecting cartilage total stress
only in tension. In a quite similarmanner, Shirazi and Shirazi-
Adl simulated fibrillar matrix using directional membrane
elements overlaid over poroelastic matrix [131]. The models
provide similar results [131].

Olsen and Oloyede implemented an overlay model [140],
which was designed to study articular cartilage fibril rein-
forcement in a swollen construct. They later formulated and
applied the model for simulating transient responses [141].
In the model, cartilage solid was considered as a multilayer
matrix, the layers of which all undergo the same deformation
and contribute to the total stress. Using the overlay method,
several different components could be applied in a single
model, although the interactions between the overlays could
not be implemented.

Ateshian et al. [66] implemented the solid matrix of
cartilage with a continuous fibril angle distribution including
osmotic swelling behavior in the nonfibrillar matrix. They
only simulated the equilibrium responses subsiding inter-
stitial fluid flow and flow-independent viscoelasticity. The
application of continuous fibril angle distribution was able
to correctly simulate the compression-tension nonlinearities
in tissue stress and deformation. Ateshian et al. found that
most of the conducted predictions could not be obtained
from models using only three orthogonal fibril bundles.
However, they considered it possible that some of their
simulated features may also be captured by discrete (vector-
based) fibril models with more than three orthogonal fibril
bundles.

Holzapfel and Gasser described a viscoelastic fibril rein-
forced structural model [135] applicable also for simulating

mechanics of articular cartilagewith three-dimensional stress
and deformation.This model falls into the vector-based fibril
reinforced models with two fiber directions embedded in
an isotropic ground matrix describing the composite fibril
reinforcement. Gasser et al. further developed the model
to incorporate a structural parameter characterizing the
dispersion of collagen fibrils [154], which was later applied
for articular cartilage [63].

Pierce et al. [67] proposed a structurally motivated
3D fibril reinforced mixture model. Their model was able
to simultaneously address the dependence of fibril rein-
forcement and permeability from the fibrillar structure
but omitted flow-independent viscoelasticity. The model
included a dispersion parameter representing the degree of
anisotropywithin the fibrillarmatrix, which could potentially
be adjusted to account for collagen fibrillation associated
with tissue degeneration. The model was able to reproduce
mechanical behavior of articular cartilage under a variety of
loading scenarios and demonstrated good agreement with
experimental results.

Quinn and Morel implemented an intuitive model for
simulation of collagen network mechanics and interactions
between the fibrillar and nonfibrillar matrices [155]. In their
model, the fibril density and orientation can be utilized.
Direction of the collagenfibrils is determinedmuch like in the
vector-based models presented above. This model separates
the hydrated and dry portions of collagen and PGs, while also
including “free” water and considering the structure of the
fibrillar matrix. Although the solution presented by Quinn
and Morel was restricted to equilibrium state, it could be
extended to more general applications.

2.1.5. Controversies and Limitations Related to Tissue-Level
Fibril Reinforced Models. Not all aspects of the biological
cartilage tissue have been considered when attempting to
simulate its mechanical behavior, and more specifically that
of its fibrillar matrix. Limitations and challenges for imple-
mentation are caused by the different scales defining the
mechanical appearance in the structure of the collagen fibrils
and the coupling between chemistry, biology, andmechanical
behavior. Aspects not often considered at tissue level include
physical phenomena such as buckling of the fibrils [156–
158], fibril-fibril interactions [159], fibril-PG interactions [14],
or length and width of the collagen fibrils. The present
fibril reinforced models also neglect some basic physiologi-
cal phenomena such as fluid-pressurization-induced contact
lubrication effects [160].

Buckling behavior of the collagen fibrils is rarely consid-
ered in fibril reinforced models of articular cartilage. How-
ever, it is likely that fibril buckling occurs in a confined space
[161]. Schinagl et al. suggested that a microstructurally moti-
vated model considering buckling of the collagen fibrils at a
critical load might account for the experimentally observed
softening of the material with increasing load, following an
initially stiff response [157]. Bursac et al. modeled cartilage
through a network of cables under pretension, representing
collagen submitted to osmotic pressure. Under small defor-
mations, the fibrils are in tension, which is reflected as high
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network stiffness. Instead, at larger deformations, the forces
within the fibrils (represented as cables) become compressive,
eventually leading to buckling with the result of reduced
stiffness [161]. Hence, buckling of the fibrils in cartilage will
likely contribute to the compressive stiffness of the tissue at
large deformations.

Fibril-fibril interactions have not been considered in
the tissue-level fibril reinforced models. Nevertheless, the
characteristics of the fibrillar matrix are likely highly depen-
dent on the micromechanical interactions of the collagen
fibrils. For instance, cross-linking has been demonstrated
to affect the properties of the collagen fibril network [136,
162]. Buehler demonstrated that high cross-link density is
associated with high yield strength and stress and brittle
failure, while low cross-link density is associated with more
ductile behavior with strain softening following peak stress
[162]. Chen and Broom suggested that breakdown in the
interconnectivity of neighboring fibrils could lead to strongly
aligned structure [163, 164]. Hence, any degenerative change
in the fibrillar matrix could lead to rearrangement of fibrils
along with varying degrees of fibrillar alignment. The loss
of interconnectivity in the fibrillar network leaving the PGs
intact could lead to reduction in PG entrapment accompa-
nied by increased swelling tendency and decreased matrix
stiffness [165]. Broom and Silyn-Roberts reported that matrix
cohesion is a consequence of fibril-fibril linkage independent
of PGs, and biomechanical models involving shear stress
transfer between the fibrillar and nonfibrillar matrix may
therefore be inappropriate [166].

Fibril network and nonfibrillar solid matrices have obvi-
ous mechanical interaction considering that the osmotic
swelling due to fixed charges within the nonfibrillar matrix
is balanced by the tensile properties of the fibrillar network
[14]. Quinn and Morel highlighted the interactions between
the collagen network and the PG gel [155].They explained the
collagen fibril prestress in free-swelling cartilage emerging
naturally and without introduction of additional artificial
model parameters. Prestressing the collagen fibrils can be
simulated during free swelling.

According to the implementation of the nonfibrillar
matrix as presented above (Section 2.1.1), the nonfibrillar
matrix can resist load on its own without the fibrillar matrix
confining it. However, this may not be correct [14, 139, 167].
Through the interaction between the PG gel and the fibrillar
matrix, the nonfibrillar matrix is known to contribute to the
compressive tissue stiffness [7, 70, 90, 168] and to greatly resist
fluid flow [169, 170]. In the aforementioned mixture-type
models, the fibrillar matrix could be theoretically removed
from the mixture leaving only the fluid-saturated nonfibrillar
matrix, which would still be able to resist load as a porous
elastic or hyperelastic matrix. This controversy in the inter-
action of the fibrillar and nonfibrillar matrix is not often
considered in the implementation of the fibril reinforced
models. Instead, the nonfibrillarmatrix is actually considered
to include the effects of fibrillar matrix confinement of the
PG gel. This is due to implementation of infinitesimally
thin fibrils (and fibril bundles), using for instance, springs.
Hence, the fibril reinforced models do not fully separate the
collagen and PG contributions to cartilage mechanics, as the

drained nonfibrillar matrix possesses a nonphysical Poisson’s
ratio giving the appearance that collagen fibrils support
the nonfibrillar matrix even at zero tensile stress [14, 155].
Therefore the fibril reinforced models are still limited in their
potential for estimation of cartilage mechanical properties
from independently determined microstructural data and
molecular physics [155].

Microstructural data such as fibril length and diameter
are rarely considered in the implementation of tissue-level
fibril reinforced models. However, it must be acknowledged
that fibril length and diameter have impact for theirmechani-
cal performance affecting buckling and reorganization of the
fibrils within cartilage tissue during external loading. Fibril
diameter may relate directly to the mechanical properties of
the tissue [171–173].The length of the fibril also hypothetically
affects the arrangement and reorientation of the fibrillar
matrix during loading.

Past experimental measurements and theoretical predic-
tions of the fluid pressurization of cartilage have demon-
strated that the load support provided by interstitial fluid
approaches the applied load immediately after loading, while
recovering to zero over time during static loading [23, 24,
83, 85]. This excess fluid pressurization causes an issue with
cartilage lubrication modifying the contact friction [174].
This aspect has been poorly incorporated into the presently
applied (fibril reinforced) models, although a theory applied
by Ateshian et al. [175] has been shown to agree well with
experimental measurements [176].

2.2. Cell-Level Models and Cell-Tissue Interactions. Biphasic
multiscale models were first introduced in early 2000 [177].
The goal of thesemodels was to evaluate cell behavior in artic-
ular cartilage, cell-tissue interactions, and the effect of altered
ECM and PCM properties for the deformation behavior of
cells. The models have been applied to simulate cell-matrix
interactions under steady state [132] and transient loading
[59, 177, 178]. In the multiscale models, those parameters
of the macroscopic tissue model that associate with the
global loading (displacement, fluid pressure) serve as input
parameters for the local submodel, including the chondrocyte
and its local mechanical environment (Figure 3).

Recently, these multiscale models have incorporated the
fibril reinforced constitutive laws of cartilage tissue presented
in Section 2.1 [59, 132]. In addition to the ECM, the PCM
around cells has been modeled. The PCM has also been
modeled as fibril reinforced biphasic tissue and the fibrils
have been implemented according to microscopic studies
for tissue structure [132, 133]. This is because the loading-
induced changes in the fibrillar patterns surrounding the
chondrocytes likely transmit information from the matrix
to cells causing metabolic changes in the cells [10]. Hence,
incorporation of fibril reinforcedmodels to studymechanical
behavior of chondrocytes is appropriate. Chondrocytes have
been typically considered using the same constitutive equa-
tions as the ECM and PCM, except that the fibrils have been
neglected. See the typical material properties of the ECM,
PCM, and cell typically implemented in multiscale models of
cartilage (Table 2).
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Figure 3: Multiscale modeling allows for simulation of macroscale effects on microscale. In this example, a macromodel (global model, on
the right) was used to simulate knee joint function and the effects on a single chondrocyte in femoral cartilage were simulated in microscale
using submodeling (on the left). The transient boundary conditions were driven by the global model.

Table 2: Typical material parameters implemented for the cell,
pericellular matrix (PCM), and extracellular matrix (ECM) in the
fibril-reinforced biphasic multiscale models [16, 59, 132, 133].

Material parameter Chondrocyte PCM ECM
𝐸0
𝑓
(MPa) — 0.2 2.7

𝐸𝜀
𝑓
(MPa) — 34 340

𝜂 (MPa s) — 947 947
𝐸
𝑛𝑓
(MPa) 0.002 0.038 0.5

𝑘 (×10−15 m4/Ns) 1000 0.1 1
]
𝑛𝑓

0.3 0.15 0.15
𝑐
𝐹
(mEq/mL) 0.08 0.26 0.20

Fibril reinforced multiscale models of cartilage have
emphasized the importance of cartilage structure, compo-
sition, and mechanical properties on cell responses [16, 59,
132]. Specifically, the arcade-like orientation of the collagen
network in the ECM has been suggested to modulate the
cell shape differently in different zones [59]. The fixed charge
density of the ECM has been shown to increase cell aspect
ratio especially in the superficial zone, while the fluid has
been suggested to alter the transient behavior of cells [59].The
collagen fibrils in the PCM have been found to modulate the
mechanical signals experienced by the cells and protect cells,
while the fixed charge density in the PCM may significantly
alter cell morphology and deformation behavior [58, 133].

2.3. Adaptation Models. Mechanobiology investigates the
biological responses of the cell to physical loading. Hence,
it involves understanding how the tissue adapts the geom-
etry, composition, and structure to the mechanical loading
it is exposed to. With respect to articular cartilage, it is
believed that the specific anisotropic organization of the
collagen fibers is a result of the mechanical stimulation in
the joint during development and growth [179]. However,
the rules by which the spatial organization of the collagen
fibers is related to mechanical and chemical signals are not
yet elucidated. With that in mind, algorithms that relate

collagen remodeling and adaptation to stress and strain
have been developed [179–181]. In the collagen remodeling
algorithm, the collagen fibrils align along the preferred fibril
directions that are situated between the positive principal
strain directions [179, 180]. The simulation is conducted over
time. After each step the collagen fibril orientation is updated
and followed by an iteration where the new tissue strains
are computed. This process is repeated until homeostasis is
achieved. By combining the collagen remodeling algorithm
with a fibril reinforced swellingmodel,Wilson et al. were able
to predict the development of the typical Benninghoff-type
collagen fiber orientation [179]. Nagel and Kelly applied the
remodeling model to observe effects in collagen architecture
of cartilage in the vicinity of transplanted tissue [181].

Mechanobiological models have frequently been used
to investigate changes in tissue composition and tissue
volumetric growth in bone remodeling, fracture healing,
and growth plate development [182–185]. Thus far, these
models have not been extended to articular cartilage although
van Donkelaar and Wilson simulated the effects of PG and
collagen synthesis on chondrocyte hypertrophy [186]. Such
models may become useful in future studies addressing the
mechanical influence on the progression of OA. In particular,
combining mechanobiological adaptive models that evaluate
tissue biosynthesis based on responses experienced by cells
with imaging of the tissue geometry and composition may
enable the development of patient-specific models to predict
articular cartilage degradation and OA progression with
time.

3. Practical Considerations in
Modeling Applications

At present fibril reinforced models of articular cartilage are
inhomogeneous and anisotropic, requiring several compo-
nents to describe the overall mechanical behavior. These
complex models are required for advanced simulations in
order to mimic cartilage behavior at the same time consid-
ering the computational limitations. With a great number
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of tissue components and material parameters, the models
become prone to uncertainties caused by the assumptions, for
example, in the interactions between the model components.
These uncertainties need to be addressed and the model
implementation and function should be verified. With a
carefully designed and verified computational model, exper-
imental tests can be simulated quickly, and cases which are
not possible in an experimental testing setup can be inves-
tigated, for example, through parametric analysis. Although
a model may be plausible in theory, a thorough validation
is required before the model can be applied. Subsequently,
computational fibril reinforced models can be applied for
retrieving intrinsic properties of the tissue, which describe
its mechanical behavior by combining experimental tests
and model simulations [7, 17, 47, 64, 153, 187–190]. In the
following, some general considerations, also necessary when
applying fibril reinforced materials of articular cartilage, are
reviewed and discussed.

3.1. Parametric Analysis and Design of Experiments (DOE).
Sensitivity of different model components for the mechanical
response of cartilage can be evaluated using parametric
analysis. In general, the evaluation can be important either
for simulations and experimental designs or for optimizing
model behavior. Fibril reinforced models can have several
material parameters describing stress of the collagen fibril
matrix in addition to stress of the remaining solid matrix
and fluid flow. To successfully predict the experimental
data, the model should have a limited number of unknown
parameter values in order to optimize the inverse problem
uniquely. With a low number of parameters in optimization,
the optimization routine becomes more reliable and efficient.
In addition, the optimized variables are required to have
distinguishable effects on the simulated outcome. To limit
the number of optimized parameters, it is important to know
which model parameters most sensitively affect the outcome
of the simulations and which have a minor effect on the
outcome. This way, the critical parameters can be optimized,
while the parameters with lower impact can be assumed and
fixed during optimization.

One common method of conducting parametric analysis
is to vary one parameter at a time while keeping other
parameters constant. This parametric analysis requires a
basis, which is the set of reference parameter values which
are then adjusted separately. The effect of these adjustments
is then compared with the basis simulation. Several previous
finite element analysis studies have used simple parametric
analysis to either test the sensitivity of model parameters on
the simulation outcome or to predict how the changes of
model parameters would translate into observed changes in
real-life physiology or the experiment outcome [20, 132, 191–
193]. However, with such a simple method the interactions
between the parameters cannot be captured or effectively
predicted. Instead, a full factorial design could be used to
test the effects of multiple parameters concurrently. In such
case, the results of the parametric analysis are not affected
by the basis simulation. Full factorial designs are suitable for
studying systemswith a low number of parameters and levels.

They also provide more information on the interactions
between the parameters. However, when the number of
parameters and levels becomes higher, a full factorial design
becomes unpractical due to the high number of required
simulation runs.

Onemethod for performing suchmultidimensional para-
metric analysis is the DOE approach using factorial analysis,
which can also evaluate certain interactions between different
model parameters [194]. A full factorial design is the most
reliable and comes with the greatest computational cost. In
a full factorial design, all unknown parameters are evaluated
as a function of each other. In the case of the more advanced
models, it is clear that all of the models have a large amount
of model parameters, some of which have values that have
been assumed. For such cases, the full factorial design may
become too extensive, and a more efficient way to determine
themost significant parameters for the simulation outcome is
required.One such approach is the fractional factorial design,
which can significantly reduce the number of factorial test
runs [195, 196]. Fractional factorial design is therefore suitable
when determining the model parameters that affect the
simulation outcome the most in models with a large number
of independent parameters. This may be suitable for some of
the more complex fibril reinforced models of cartilage [6].
Different DOE methods should generally be used to reveal
mechanisms that control the simulation outcome in advanced
computational models [6, 183, 194, 197].

Although the applications of DOE for finite element
analysis are numerous, it is still a quite new and seldom used
technique in orthopaedic biomechanics [6, 183, 198–200].The
most popular design and method is the one by Taguchi et al.
[201], which generally emphasizes the optimization of model
performance by selection of the best values of the controllable
parameters. We expect DOEs to gain more interest in the
future also in finite element analysis of articular cartilage.The
fibril reinforced models are becoming more complex and are
being applied in more complex situations. Further, the need
for optimizedmodel design inmaterial and geometry aspects
becomes more important.

3.2. Considerations for Optimization. Curve fitting through
optimization is an essential part of the application of fibril
reinforced or any other biomechanical model, since material
parameters describing model behavior can be derived to pro-
duce a simulation which corresponds with the experimental
tests. These optimized material parameters then provide
insight into the intrinsic tissue mechanical properties. Since
there are various different constitutive models that can be
used to simulate a similar outcome and agreement with
certain experimental tests, it must be kept in mind that the
optimized material parameters only describe the mechanical
behavior of the tissue with the applied material model. Thus,
the optimized material parameter values do not necessarily
represent intrinsic tissue properties which can be general-
ized. Hence, the comparison of those material parameter
values retrieved using fibril reinforced models should be
conducted only between studies conducted using the same
model.However, similarities in the overall principles between
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the different constitutive models may allow for comparison
of the phenomena and trends observed between different
studies and models.

As mentioned earlier, the modern models of articular
cartilage include the description ofmanymaterial parameters
that cannot be measured directly. Due to the complexity
of the fibril reinforced models, the fitting of the model to
experimental data is oftendifficult through selection ofmodel
parameter values using the trial and error method.Therefore,
optimization of parameter values against, for example, exper-
imental data is conducted. During optimization, the model
parameter values are often adjusted in a manner that will
make the simulation result correspond with the experimental
data as well as possible based on a defined objective function.
In such a case, an objective function is minimized in case it
represents an agreement error or maximized if the objective
function represents the agreement between the experimental
and simulated data [8, 12, 17–19, 47, 64, 65, 68, 98, 188,
189, 202–205]. Choice of the objective function is a major
factor in determining the success of a fit. Most types of
commercial simulation software, such as ABAQUS, COM-
SOL Multiphysics, provide a feasible platform to conduct
modeling, and optimization can be done in conjunction
with external software like MATLAB [189, 206] or Isight
[207–209].

Prior to multidimensional optimization, it is suitable to
run parametric analysis in order to choose only the sensitive
model parameters for optimization. This will help to reach
a unique solution. The optimized variables are required to
have distinguishable effects on the simulated outcome for
the solution to be unique. Generally, the lower the number
of variables to be optimized, the more reliable and efficient
the optimization routine. However, this may come with
the cost of reduced agreement between the experimental
and simulated data. The convergence of the optimization
becomes quicker if the initial values are close to optimal
[189]. Therefore, initial values should not be selected in
random, but within reasonable range, for instance based on
literature source, or screening with parametric analysis [188,
210]. Randomly selected or unrealistic initial values could
potentially cause unnecessary problems in the convergence
of the model.

Considering that the experimental data includes some
error, for example, due to uncertainties related to exper-
imental testing, an error in the optimization should be
accepted within that error margin. Therefore, a satisfactory
optimization could result in various sets of optimized values
depending on the initial values of the model parameters
prior to optimization. However, changing the initial values
and conducting the optimization again should result in a
quite similar set of optimized parameter values, provided that
the parameters chosen for optimization were considered to
affect the simulation outcome sensitively.Therefore, it may be
beneficial to use several initial value sets to verify uniqueness
of fit and to determine the range at which the parameter
values lie within satisfactory objective function values [68,
189, 202, 211].

Local minima are problems for the optimization
(Figure 4), since they may result in fulfillment of some cutoff
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Figure 4: Convergence of an objective function (mean squared
error, MSE) during the optimization of a 2-step stress-relaxation
experiment [17]. (a) With initial parameters MSE was 17.73% and
after optimization it was 0.96%. Five model parameters were opti-
mized using a multidimensional minimization routine (the Nelder-
Mead simplex method). One local minimum is indicated with a
grey circle. (b) Normalized parameter values after each iteration
with respect to the initial values. Less than 0.5% change between
iterations in any of the optimized parameters was observed at the
end of optimization, after the solution had converged.

criteria for the optimization, providing one with a faulty
set of model parameter values. A common practice in
multidimensional optimization is to repeat the optimization
routine in case of unsatisfactory objective function outcome
(e.g., in a local minimum) by setting the optimum parameter
value set as initial values for the following optimization
(Figure 4). One must keep in mind that the chosen objective
function has an effect on the optimized set of parameter
values provided that complete agreement cannot be achieved
[202]. Hence, the most appropriate objective function should
be selected. Generally, when comparing experimental and
simulated data, an error function comparing the two for
absolute agreement is considered suitable. Instead, if a trend
between the experimental and simulation data is optimized,
it may be appropriate to use correlation between the two
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Figure 5: Convergence test for finite element mesh. As the number of elements is increased in an inhomogeneous finite element model,
the simulation outcome begins to converge towards true value (i.e., case with infinite number of elements). In this case, the finite element
mesh was homogenous and the number of elements was systematically increased to observe convergence in the simulated peak reaction
force during unconfined compression experiment (a). To optimize the performance of the model, an appropriate amount of elements is
required in the model to obtain reliable results (within 5% error from an excessive amount of elements). If an excessive number of elements
are used, the computational cost (CPU time) increases, and the model performance suffers. In this demonstration, the model used was a
fibril reinforced poroviscoelastic model [17, 18]. In the model, collagen fibrils are implemented with a Benninghoff-type arcade structure.
Therefore, to observe the effect of the bending of the fibrils, it is essential to have a sufficient amount of elements. Two finite element meshes
with the fibril orientations are shown (b).

as an objective function. One could apply weight functions
for each data point in use when assessing the success of a fit.
The weight functions could be based on standard deviation
of the experimental data at a specific data point to consider
the uncertainty in accuracy of the experimental data.

3.3. Convergence Tests. The rather complex geometries
required to model the joint behavior are prone to ineffective
computing, provided that the mesh is not optimized. To
optimize the mesh density and biases after determining the
simulation geometry, a convergence test should be performed
to determine the coarsest acceptable mesh, using the element
type that can produce an outcome with acceptable error,
compared with the ideal; that is, the converged outcome.
The localized anisotropies within the material model, like
in the fibril reinforced models may affect the convergence,
and optimal mesh design (Figure 5). In the test, mesh density
is increased and the simulated outcome is recorded. As the
simulation sequence reaches critical mesh density, that is,
denser mesh will not change the simulation outcome, the
mesh with an acceptable error (e.g., <5%) can be used to
simulate the overall outcome. An example of such test is
presented in Figure 5. It is also noteworthy that the CPU
cost increases with denser finite element mesh, which is
an extremely important time-consumption issue when the
sample-specific properties are solved through optimization.

When a model is intended to simulate localized phenom-
ena in a more complex geometry (e.g., complete knee joint)
or in multiscale, it is necessary to use a mesh dense enough
to have themodel converge also for the localized simulations.

Therefore, a similar convergence should be run to confirm
the accuracy of the simulations specifically at regions of
interest.

3.4. Model Validation. All models should be validated for
feasibly corresponding with reality. The overall goal for val-
idation is to make the model applicable to address a problem
of interest with sufficient accuracy and confidence. In model
calibration/optimization, the model should be compared
with a real set of experimental data, and acceptable limits of
discrepancies between the simulated and experimental data
should be obtained [8, 12, 18, 64, 65, 78, 186, 212]. Considering
fibril reinforcedmaterialmodels of cartilage tissue, validation
of the model may come with some unique challenges, such as
how to validate the fibril reinforcement in a mixture model
and the interactions between the fibrillar and nonfibrillar
matrices. Validation against experimental data can be made
with three different approaches: direct, indirect, and trend
measurements [213].

Direct experimental measurements and comparison with
simulation results serve as the most reliable validation of the
model. Further confidence can be gained through the direct
parametric analysis of experimental tests and then comparing
the results with those predicted by the simulations. A good
example of a direct validation of a model theory to predict
internal fluid pressurization was conducted by Soltz and
Ateshian [83, 85] and Olsen et al. [141]. However, direct vali-
dation is often difficult (e.g., pressure distribution in articular
cartilage in a knee joint), since the simulated experiments
cannot be replicated in controlled measurements with live
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Figure 6: To demonstrate the role of experimental testing in optimization, we present a stress-relaxation experiment with 10 steps (2%-
strain/step). We optimized 2 models (elastic and inhomogeneous fibril reinforced poroelastic, FRPE) to that test. The elastic model was fitted
to all steps simultaneously by minimizing the mean squared error while the FRPE was fitted to 2 steps and 10 steps. The elastic model was
unable to predict the data from the stress-relaxation curve, while the FRPE model agreed better with the experimental data. However, when
the FRPEmodel parameters were optimized for 2-step data, the predicted data in the following 8 steps did not agreewell with the experimental
data. Instead, when the model was fitted to all 10 steps, a good agreement was achieved.

subjects. For this reason, itmay be required that indirectmea-
surements are used instead. In such case, an experimentally
measurable property can be compared with the simulation
results, even though the measurable property is not needed.
The measurable property must be selected so that it has
a direct link with the model behavior being validated.
However, indirect measurements validate the potential of a
model to perform as required. Therefore, the importance of
indirect validation should not be overestimated [213].

Sometimes the model is used for describing a certain
kind of physiological behavior and it may not require direct
or indirect validation for absolute agreement. In such case,
trend measurements may be used to explain whether the
model exhibits similar trends, for example, during parametric
analysis. Trend measurements are especially important when
validating the interactions between the model components
(e.g., how the composition changes affect the measured
mechanical response in articular cartilage). Although valida-
tion provides confidence in a model, it does not confirm that
it agrees with reality. Each new model should be validated
with the direct or indirect evidence of its function.

3.5. Experimental Tests. In the following subsection, we will
discuss what factors should be taken into account when
designing experimental mechanical tests at tissue and cell
level in order to determine the material properties through
optimization. We will also show how the models can be used
to explain the experimentally observed phenomena.

3.5.1. Tissue-Level Experiments. With regard to the fibril
reinforced model of cartilage, unique material parameters
can be obtained provided that the role of each model
parameter for themeasured output parameter has been taken
into account in the experimental design. A simple way of
characterizing three parameters of the fibril reinforced poroe-
lastic model (fibril network modulus, nonfibrillar matrix
modulus, and permeability) is to fit the model to a stress-
relaxation experiment under unconfined or indentation
geometry (Figure 6). The fibril network modulus controls
primarily the peak forces, the nonfibrillar matrix modu-
lus modulates the equilibrium forces, and the permeability
affects the rate of relaxation. Thus, all three parameters have
their own distinct effect on the measured stress-relaxation
response.

When adding strain-dependent parameters of the colla-
gen fibrils and permeability in the model ((6) and (8)), the
number of model parameters increases and the nonlinearity
has to be taken into account for example by increasing the
numbers of steps in stress-relaxation experiments (Figure 6).
Other optionwould be the inclusion of different experiments,
for example, in other loading geometries [8, 12, 98]. This
way the nonlinearity caused by the added parameters can be
captured by themodel. As an example, permeability and non-
fibrillar matrix properties could be fitted to confined com-
pression data, after which the fibril properties could be fitted
on unconfined compression and/or indentation experiments.
If further swelling parameters are added in the models
(16), swelling tests could be performed simply by recording
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cartilage swelling and shrinking in media with different
osmolarities [214, 215].

3.5.2. Cell-Level Experiments. The cell-level biomechanical
tests alone cannot be used for the optimization of model
parameters. Instead, for model validation, experimental cell
deformation behavior is compared with the corresponding
computational analysis [216]. The model parameters of the
ECM for such model validation should come from tissue-
level experiments. Ideally, in order to have sample-specific
material parameters also for the PCM and cell, microscopic-
scale experimental tests should be employed. The mechan-
ical properties of the PCM have been characterized with
microaspiration technique [217]. The same technique can be
used for measuring the mechanical properties of single cells
[218]. Atomic force microscopy with nanoindentation can be
used to characterize the small-scale biomechanical properties
of the ECM and PCM, and it has also been used for the
characterization of cell properties [219].

In order to test cell deformation within cartilage tissue,
osmotic and mechanical loading of the tissue have been
utilized simultaneously, concurrently recording the cells
using confocal or dual-photon laser scanning microscopy
[26, 55, 220]. In the osmotic loading experiments, diffusion
of fluid in or out of the tissue is carried out by altering
the osmotic environment of the immersion media. The
hypotonic medium increases the osmotic pressure difference
in and out of the tissue, creating tissue swelling. This causes
swelling of cells as well. Cells have, however, the ability to
recover their original state after the initial swelling [54].
This rapid recovery can be specifically seen using isolated
cells. Some recent studies suggest that this recovery may be
partly prevented or delayed by the ECM and/or PCM in the
intact tissue [55], while chondrocytes in tissue explants and
collagenase-degraded samples recovered back the original
volume (Figure 7). Specific reasons for this phenomenon
are, however, not known and computational modeling could
provide an answer to such a problem.

Mechanical loading of articular cartilage, combined with
simultaneous imaging of cells using confocal microscope,
has been applied in unconfined compression and indentation
geometries [26, 28]. Indentation combined with cell imaging
can be used to characterize cell volume and morphology
during compression. In this test, cartilage is intact, providing
the physiological condition for cells. With this technique cell
volumes were found to increase as a result of the mechanical
loading of osteoarthritic rabbit cartilage, while the cells in
normal joint cartilage were reduced in volume (Figure 7)
[26, 27].This technique, even using dual-photonmicroscope,
can only reach some hundreds of microns into the tissue
from the cartilage surface, limiting scanning to the superficial
tissue layer. A technique inwhich chondrocytes aremeasured
through the cut surface of tissue explants simultaneously
with the compression of the cartilage surface can provide a
way to characterize cell responses in the superficial, middle,
and deep zones [28]. A limitation of this technique may
be that cutting of the samples can damage the integrity
of the samples and loosening of the collagen fibril tension
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Figure 7: (a) The measurement setup of osmotic loading experi-
ment of cells within intact cartilage tissue, a representative confocal
microscopic image and a 3D presentation of a cell used for cell
volume and morphology analysis. (b) Chondrocyte volume change
in osmotically or mechanically loaded intact cartilage, cartilage
explant, collagenase-degraded cartilage, and osteoarthritic carti-
lage (as a result of anterior cruciate transection). Experimentally
determined cell volume change in osmotically challenged intact
cartilage tissue is compared with a computational, microscale, fibril
reinforced model (<1 ∼ volume decrease, >1 ∼ volume increase).

around cells. This may eventually lead to different responses
of cells.

4. Visions for the Future

4.1. New Challenges. With the present cartilage models, sup-
ported by their further development, the new challenges for
the future can be expected to advance from the generalization
of theories and disease etiology more towards patient- and
sample-specific simulations. At the same time, onset and
progression of OA may be more specifically considered at a
single-patient level as well as at a general level. For future
applications, it is important to be able to predict how cartilage
will react to changes in its mechanical environment. Impor-
tant questions will arise, including: will cartilage be damaged
and when, how will the damage progress, and can we
predict the outflow of PGs? For future model development,
it will be important to incorporate the production of the
cartilage matrix [186] and incorporate tissue differentiation
into cartilage models.
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Figure 8: Subject-specific joint geometry can be imaged using, for
example, MRI, from which using contrast agents, imaging protocols
and image-analysis techniques structural and compositional details
of articular cartilage can be measured and implemented into a
finite element model. Using human movement analysis, the loading
conditions can be determined realistically for individual subjects.
Combining imaging, movement analysis, and finite element meth-
ods, realistic joint stresses and strains can be evaluated and effects on
cells and matrix adaptation predicted using validated theories. Such
analysis will aid in understanding and predicting advancement and
onset of joint injuries and osteoarthritis.

4.2. Combining In Vivo Imaging withModeling. In order to be
able to evaluate the cell responses of a patient with a model,
joint and tissue forces need to be obtained. In order to obtain
the most realistic evaluation of those forces, two key points
need to be implemented in the models in a patient-specific
manner: geometry and material properties. The former can
be done using for instance MRI (Figure 8). The latter must
be taken from the literature because the mechanical prop-
erties cannot be measured from patients, even though some
studies have characterized the relationships between the
MRI parameters and biomechanical properties of cartilage
[47, 221]. However, cartilage structure, directly related to
the mechanical properties of the tissue, can be estimated
from in vivo imaging techniques. T

2
relaxation timemapping

serves as a technique to quantify the arrangement of the
collagenous network in cartilage [40, 222], and the effect
of T
2
-based collagen orientation on stresses and strains of

cartilage in a knee joint was modeled recently [62]. Diffusion
tensor imaging may also be used to evaluate the collagenous
structure of cartilage in undeformed and deformed state
[63, 127, 129]. On the other hand, Gd-DTPA2−-enhanced T

1

imaging (dGEMRIC) assesses the spatial changes in tissue PG
content [223]. Contrast-enhanced cartilage tomography can
be used to characterize the fixed charge density distribution
of cartilage [224].

4.3. Toward Patient-Specific Estimation of Disease Progression
and Treatment. The models presented in this paper and
future adaptations of new fibril reinforced models could
lead towards patient-specific estimation of the loading effects
on cartilage degeneration in OA. By incorporating adaptive
algorithms and phenomena behind tissue formation and
degradation in themodels, and combining these models with
in vivo imaging and human movement analysis (Figure 8), it
may be possible to develop computational models of entire
joints. These models could be used, for example, to estimate
the development of OA in patients with joint injuries (e.g.,
cartilage damage, meniscus tear, and ligament injury).

Some computer simulation work has already been con-
ducted with fibril reinforced material models of articular
cartilage to understand and perhaps identify risk factors of
OA development and progression [53, 115–117, 225]. In the
future,modeling could be used for example for the evaluation
of the effect of different clinical operations on the onset and
progression of OA, in the first stage through stresses and
strains of cartilage and in the later stages through adaptation
models [179, 226, 227]. Modeling could also be used to
evaluate the effect of different conservative strategies (for
instance change in exercise) on the disease progression.Thus,
the models could be used in the clinical decision making.
Quantitative evaluation and prediction of the joint condition
for the future would certainly aid in choosing the best treat-
ment for the disease. When combined with potential repair
materials, the computational models may have potential for
optimizing and preparing growth protocols for those mate-
rials mimicking cartilage [228]. Furthermore, computational
models should aid in the design of loading protocols for
joint rehabilitation with degenerated cartilage, for example,
when transplanting repair tissues that lack the mechanical
requirements of the host tissue [229]. Recently Khoshgoftar
et al. [230] investigated the potential of using a numerical
model for stimulating formation of physiological collagen
architecture in tissue-engineered cartilage. Such applications
combined with the most modern models of tissue adaptation
will certainly help to utilize mechanical loading regimes to
benefit the optimizing of tissue-engineered cartilage [228].
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Stress relaxation and structural analysis were used to investigate the zonally differentiatedmicrostructural response to compression
of the integrated cartilage-on-bone tissue system. Fifteen cartilage-on-bone samples were divided into three equal groups and their
stress relaxation responses obtained at three different levels of axial compressive strain defined as low (∼20%), medium (∼40%)
and high (∼60%). All tests were performed using a channel indenter which included a central relief space designed to capture the
response of thematrix adjacent to the directly loaded regions.On completion of each stress relaxation test andwhilemaintaining the
imposed axial strain, the samples were formalin fixed, decalcified, and then sectioned formicrostructural analysis. Chondron aspect
ratios were used to determine the extent of relative strain at different zonal depths. The stress relaxation response of cartilage to all
three defined levels of axial strain displayed an initial highly viscous response followed by a significant elastic response. Chondron
aspect ratiomeasurements showed that at the lowest level of compression, axial deformationwas confined to the superficial cartilage
layer, while in the medium and high axial strain samples the deformation extended into the midzone. The cells in the deep zone
remained undeformed for all compression levels.

1. Introduction

The cartilage extracellular matrix consists primarily of
heavily hydrated proteoglycan macromolecules constrained
within a richly structured collagenous fibrillar network.
The tissue resists load-induced deformation through both
an intrinsic stiffness generated by the functional coupling
between its high-swelling proteoglycans and constraining
fibrillar network, and that arising from the resistance to
fluid flow through its ultra low permeability structure.
Both of these contributions are necessarily integrated in the
matrix response to an applied load. Adding another level
of complexity is the zonally differentiated structure of the
cartilage matrix. The articular surface layer with its in-plane
arrangement of fibrils creates a tangentially strain-limiting
upper layer which, via a transition zone, blends into the radial
mid- and deep zones.This deep zone is integrated structurally

with the subchondral bone via the zone of calcified cartilage.
The loading of cartilage involves the deformation response of
this entire zonally differentiated structural system including
the movement of its fluid component. How such a complex
structural system would respond, in a zonally integrated
manner, to loading remains underexplored.

There have been several published studies that have
contributed to improving our understanding of how the
microstructure of cartilage responds to compression. Studies
of the depth-dependent response of cartilage to mechanical
loading have shown that with increasing compressive strain,
stress-relaxation proceeds at a reduced rate [1], and the
average apparent modulus increases significantly [2, 3]. At
the pericellular and cellular levels Choi et al. [4] showed that
cartilage tissue compression resulted in a varying decrease in
chondron height across the tangential, mid- and deep zones.
The highest strains were found to occur in the tangential
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zone, followed by lesser amounts in the mid- and deep zones,
and these changes increased with increasing levels of matrix
compression [4].

The increased stiffening of cartilage with increasing com-
pression, together with variations in deformation with zonal
depth, is of significance to themodelling of cartilagemechan-
ics. Using a biphasic model Wang et al. [5] modelled such
inhomogeneity and showed how depth-dependent variations
in the cartilage matrix stiffness resulted in corresponding
changes in stress, strain, fluid velocity, and the fluid pressure
field. However, the appreciation of models, in a material
sense, is in some ways limited by the extent to which
matrix deformation may be visualized, or how the physi-
cal fluid-solid interaction takes place within a theoretical
framework. For example, with cartilage compression, the
solidmatrix strain-level-dependentmicrostructural response
[6] fluid displacement through decreasing levels of matrix
permeability [1], and distribution of loads away from directly
compressed regions [7], are some intriguing physical realities
that present major challenges to the modeller in attaining a
truly accurate representation of cartilage mechanics. Some
resolution of these challenges would be possible if the actual
depth-dependent structural response of the tissue could
be determined, especially in relation to the way loads are
distributed. Recent developments by the present authors have
attempted to address this structural-mechanical issue.

To date, two experimental procedures have been devel-
oped that have obvious relevance to this question of how the
cartilage matrix and its coupled fluid respond to deformation
[8, 9]. First is the method by which the compressed state
of cartilage-on-bone samples is captured using chemical
fixation, followed by decalcification and structural analysis
using differential interference contrast (DIC) microscopy.
This optical technique allows fully hydrated sections to be
imaged at levels of structural resolution that are highly infor-
mative with regard to the pattern of matrix deformation [8].
Second is in the use of a compression indenter incorporating
a central channel which creates two distinct sites of structural
interest, namely, a directly loaded region and an indirectly
loaded relief zone which develops within the channel space
[10]. An analysis of the patterns of matrix deformation across
these two sites provides new possibilities for investigating
fluid flow-related effects, matrix permeability, fibrillar inter-
connectivity, and the role of the strain-limiting tangential
layer.

In this new study, we have utilised the previous exper-
imental techniques to study the depth-dependent response
of cartilage-on-bone to stress-relaxation following compres-
sion. In order to correlate the physical andmechanical behav-
iors, a straightforward application of a viscoelastic model was
used to quantify the stress-relaxation response of cartilage
and then compared with its microstructural deformation.

2. Materials and Methods

2.1. Sample Preparation. Fifteen healthy bovine patellae
obtained from 2-3-year-old prime bovine bulls were collected
immediately following slaughter and stored at −20∘C. For

Low level strain

Low level strain

Low level strain

Medium level strain

Medium level strain High level strain

(i) Formalin fixed in its deformed state
(ii) Mild decalcification

(iii) Cryosectioned to obtain cartilage-bone slices 30 microns thick
(iv) Microstructural analysis using DIC

(𝑛 = 5)

(𝑛 = 5)

(𝑛 = 5)

Figure 1: Sample testing and treatment procedures used.

sample preparation each patella was thawed under cold
running water, and the cartilage surface stained with India
ink to confirm that there were no surface irregularities or
fissures [11]. A cartilage-bone block with en face dimensions
of ∼14× 14mm was sawn from each distal-lateral quadrant
whilst carefully selecting an optimally flat region. Each
block included the full cartilage thickness and ∼6mm of
subchondral bone to provide full loading support. Each of the
four sides of the block was finely ground under water with
60-grit carborundum and imaged at low magnification to
determine the average cartilage thickness.The block was then
equilibrated in 0.15M saline for two hours prior to loading,
then secured in a custom-built stainless steel holder with
dental cement.

2.2. Loading Protocol. All loading was performed using a
specially designed polished flat-ended stainless steel indenter
consisting of two flat 8 × 3mm faces separated by a channel
space of 1mm and channel height of 3mm. Details of this
indenter have been described elsewhere [10]. An Instron 5543
materials testing machine was used for the stress relaxation
experiments which were conducted with the samples bathed
in 0.15M saline. Three different loading/relaxation proce-
dures were used as follows (Figure 1).

Procedure 1. Five samples were compressed to 20% strain at
1mm/s and maintained in this constant state until a near-
equilibrium stress state was reached as indicated by the force-
time curve (time required, ∼30 minutes).

Procedure 2. Five samples were loaded as in Procedure 1,
then following the establishment of near-equilibrium, loaded
a further 20% strain at 1mm/s, and held in this state until a
new near-equilibrium stress state was reached (∼45minutes).

Procedure 3. Five samples were loaded as in Procedure 2,
followed by a third added level of compression of 20% strain,
and held in this state until a new near-equilibrium stress state
was reached (∼60 minutes).

To avoid cartilage destruction, the three-step loading
was applied. In preliminary tests direct loading to 40%, and
at the 1mm/s speed, had resulted in splitting the cartilage
surface. Therefore with the 3-step loading protocol, with no
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Figure 2: Chondron aspect ratio measurements obtained at different zonal depths. Typically, chondrons containing two chondrocytes were
selected for each measurement.

observable cartilage damage occurring at the high strains,
deep tissue compression was obtained in order to study the
depth-dependent response reliably.

Following each loading protocol, after which near-
equilibrium stress had been reached [1], the saline bath was
replaced with 10% formalin and the sample fixed for ∼12 hrs
in its deformed state.

2.3. Light Microscopy. Following the loading/fixation proce-
dures described previously, each sample was washed in cold
water to remove excess formalin and then mildly decalcified
in 10% formic acid solution for 3 days (solution changed
daily) to facilitate sectioning of the osteochondral region [8].
The sample was finally rinsed in cold running water for 30
minutes.

A central radial cut was made through each decalci-
fied osteochondral sample to obtain the full cross-sectional
profile of the directly and nondirectly loaded matrix so as
to incorporate the channel region and the wider cartilage
continuum. The samples were then quick-frozen and cryo-
sectioned using a sledging microtome to obtain 10–30 𝜇m
thick frozen osteochondral sections close to the original
radial cut. These sections were then wet mounted in saline
on a glass slide under a cover slip and examined using (DIC)
optical microscopy. After looking at multiple serial sections,
and confirming their consistency, one typical section was
set aside to represent each sample, giving a total of fifteen
representative microsections.

2.4. Analysis of Deformation Field. As with our earlier work
[8, 9] the chondrocytes were utilized as markers to capture
the deformation response of the loaded matrix. The overall
fibril orientation has been shown to be aligned with the long
axis of the chondrocytes [12, 13]. Thus, by mapping the lines
of chondrocyte continuity the generalised fibril orientation
within the fields of deformation can be obtained. Further
confirmation of the fibrillar arrangement was obtained by
using high resolution DIC. Although individual fibrils were

beyond optical resolution, their tendency to aggregate into
larger bundles generates a directional fibrosity which again
reflects overall fibrillar organisation [14–16].

The patterns of deformation were analysed in terms of
changes in profiles and orientation of the lines of chon-
drocytes continuity. Chondron aspect ratios (Figure 2) were
measured in the upper, mid- and deep zones of the cartilage
matrix and in the directly compressed and channel relief
regions as a means of determining differences in matrix
compression with respect to zonal depth. All lengths were
measured digitally from images imported into Image J digital
image processing software.

2.5. Analysis of Stress Relaxation Behaviour. Nominal stress-
time plots were obtained from the loading experiments. Peak
and equilibrium stresses were obtained for each curve and
their ratios calculated. The instantaneous stiffness response
was used to estimate the initial modulus (MPa), calculated
as the initial (maximum) stress divided by the imposed
(constant) strain (low, medium, or high).

A simple Maxwell model was used to quantify the
relaxation response as follows:

𝜎 (𝑡) = 𝐴𝑒
−𝑡/𝜏
, (1)

where the constant “𝐴” is the peak stress before relaxation
begins, that is, at 𝑡 = 0 and constant strain, 𝜀

0
, and “𝜏” is a

time constant that determines the rate of decay of the stress.
To ensure a satisfactory correlation between the Maxwell

equation and the experimental data each relaxation curve
was separated into an initial and a later response (see
representative curve in Figure 3), the first representing the
rapid stress decay (viscous) and the second the much slower
relaxation response (relatively elastic). Each curve was thus
approximated with two equations and two sets of parameters
A, 𝜏 (in MPa and seconds, resp.). The curve fits for the data
obtained from each test were applied manually; the observer
used the “trendline” function in excel to check when the 𝑅2
correlation would yield values of at least 0.9 in each region.
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Figure 3: Typical stress relaxation curve obtained for a medium
strain level compression test showing the viscous and elastic regions.
The viscous response refers to the initial rapid stress decay, and
the elastic response refers to the latter portion of the curve. The
table inset summarises the parameters obtained from the curve fits
from applying the Maxwell-body model to each region of the stress
relaxation curve for the different strain levels tested. The criterion
for each fit was 𝑅2 > 0.9.

It should be emphasized here that our employment of
the simple Maxwell model was not for the purpose of
representing the complex mechanical behaviour of cartilage.
Rather, it was utilized as a practical and convenient means
of quantifying potential differences in mechanical behaviour
and especially with regard to elastic and viscous responses.

2.6. Statistical Analysis. Three groups of data were compiled
for each of the low, medium, and high strain levels employed
(i.e., low, medium, and high). The parameters, described in
the analyses of the deformation field and stress relaxation
behaviour above, were compared, and differences in their
mean values between the three groups were tested for sig-
nificance (𝑃 < 0.05) using a nonparametric Mann-Whitney
statistical analysis.

3. Results

3.1. Mechanical Responses. A typical three-stage loading pro-
file, covering the low, medium, and high strain levels, is
shown in Figure 4. For the low strain level tests the mean
initial modulus was 16MPa (Standard Deviation), 5MPa).
The mean initial modulus for the medium and high levels
of strain was significantly larger by about 175% and 44%,
respectively (see table inset in Figure 3).Themean peak stress
attained during themedium level compressive strain was also
significantly larger than that obtained at the low strain level
by about 170%. The increase in mean peak stress at the high
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Figure 4: Typical force-time relaxation curves obtained following
low, medium, and high levels of compressive strain.

strain level was 47% higher than that attained at the medium
strain level.

For all relaxation tests the final near-equilibrium stress
was 0.2MPa (SD, 0.09MPa), 0.6MPa (SD, 0.23MPa), and
1.8MPa (SD, 0.65MPa) for the low, medium, and high level
compressive strain levels, respectively. These three equilib-
rium values equated to an increase in equilibrium stress of
∼200% between each level tested.

With each added component of strain the ratio of peak
to equilibrium stress decreased significantly (table inset in
Figure 3). From the low tomedium strain levels this ratio was
reduced by ∼22%, and from the medium to high strain levels
it was reduced by ∼53%.

Each stress relaxation curve was divided into two regions
defining the initial and end responses, such that fitting the
Maxwell model would yield 𝑅2 correlation values of at least
0.9 in each region (Figure 3). These regions were then used
to approximate a mostly viscous response (fast rate of decay
in stress) and a mostly elastic response (slow rate of decay
of stress). The constants obtained from the curve fitting are
shown (Table inset in Figure 3).

In the viscous region there was a significant increase in
𝐴 (an indicator of the shear or rigidity modulus) from the
low-to-medium and medium-to-high levels of strain of 145%
and 52%, respectively. For the elastic region 𝐴 was overall
lower than that for the viscous region, and increased 133% and
86% following low-to-medium and medium-to-high levels
of strain, respectively. The relaxation times 𝜏 in the elastic
region were significantly larger than in the viscous region.
They also increased significantly from the low-to-medium
and medium-to-high levels of strains in both the viscous
(198% and 93%, resp.) and elastic regions (167% and 69%,
resp.).

3.2. Morphological Responses. The chondron aspect ratio
in the undeformed cartilage was highest in the tangential
and midzones and lowest in the deep zone (Figure 5). The
chondron aspect ratio in the tangential layer increased
significantly at all strain levels by about 60%. From the DIC
images, the increase in aspect ratio wasmore a result of a large
decrease in the short axis of the chondron (see Figure 6).

In the midzone matrix, only the medium and high levels
strain produced significant changes in chondron aspect ratio
(Figures 5 and 6). These changes resulted from a reduction
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Figure 5: Chondron aspect ratios (see Figure 3) measured for the
three different zonal depths and for the three strain levels used.
Relative to the undeformed ratios, there were significant differences
in the tangential zone for all three strain levels and in the midzone
for only the medium and high strain levels (𝑃 value < 0.05, noted
with an asterisk). Compared with the undeformed, there were no
significant changes in the aspect ratio of chondrons in the deep zone
for all three strain levels.

in height coupled with lateral expansion which together gave
aspect ratios that were about 65% smaller than those in the
unloaded region. A comparison with the undeformedmatrix
indicated that in the directly loaded deep zone matrix there
was no significant change in the chondron aspect ratio at all
levels of strain (Figures 5 and 6).

The channel relief zone (Figure 7) showed a distinct mor-
phology for each strain level. Specifically the level of matrix
extrusion (i.e., the extent of bulge formation) increased
progressively with increasing strain. The transition from the
directly loaded region to the channel relief zone revealed the
extent of shear for each strain level (Figure 8). At the low
strain level the shear boundary (see dotted lines in Figures
8(a)–8(c)) was confined to the channel relief zone, whereas
at the medium and high strain levels the boundary extended
into the directly loaded regions (see dotted lines Figure 8). At
themedium strain level in the directly loaded region the shear
boundary was located nearer the articular surface, whereas at
the high strain level it formed at a greater depth (compare
Figure 8(b) with 8(c)).

The high strain samples also displayed two oblique sets
of intersecting shear bands (at ∼45∘) in the bulge region
(Figure 9(a)). Importantly, these oblique bands were super-
imposed on strong radial “flow lines” (see white arrows
pointing to curvilinear lines in Figure 9(a)) suggestingmatrix
movement both radially from the deep zone and laterally
from both sides of the directly loaded regions. Between the
obliquely-directed lines there were minor horizontal bands
with a periodicity of about 10𝜇m. At higher magnification
these minor bands were shown to be the result of repeating
crests of radial fibres exhibiting an in-phase crimp (Figures
9(b) and 9(c)). Chondrocytes within these minor bands were

severely distorted (Figure 9(d)), this distortion disappearing
at the distinct boundary defined by the shear band termina-
tion (see insert in Figure 10).

In between the directly loaded region and the relief zone
there was an interesting point of confluence of three con-
trasting deformation fields (Figure 11). Previously described
as a “triple point” [10] this unique pattern of deformation also
showed how abrupt the shear was within the directly loaded
region as well as between directly loaded and nondirectly
loaded regions (refer to regions X, Y, and Z in Figure 11).

4. Discussion

This study seeks to integrate two important characteristics
of articular cartilage, namely, its zonally related microstruc-
tural response to loading and its nonlinear stress relaxation
behaviour. While we have used a simple Maxwell model
to describe the stress relaxation behaviour of cartilage-on-
bone it should be noted that much more sophisticated
theoretical models, such as those developed by Nguyen and
Oloyede [17], Julkunen et al. [18], Li et al., [19], and Brown
et al. [20], have sought to provide a more comprehensive
account of cartilage mechanics. By integrating mechanical
and structural responses our aim was to explore how the
complexmicroarchitecture of articular cartilage influences its
load-bearing behaviour.

Our data show that there is a depth-related mechanical
response, such that the stress relaxation following differ-
ent levels of rapid compression can be correlated with
the microlevel pattern of deformation. The microstructural
images indicate that at low strains only the tangential layer
is involved in resisting deformation while increasing the
strain from low to medium results in an increased stiffness
that is accompanied, structurally, by a visible engagement of
the mid-zone matrix. With the additional stress required to
increase the strain level frommedium to high, the next region
of matrix affected is that situated mostly laterally and in the
nondirectly loaded region, as evident from the intense shear
band formation in the channel relief zone (Figure 8(c)).

By contrast, the deep matrix deformation, as indicated
by the chondron aspect ratios, remains relatively uninvolved
at all levels of strain. Such an interpretation, however, is
limited by the findings in a previous study that reported
a nonlinear relationship between cellular-level strains and
local extracellular matrix (ECM) strains [4]. Specifically, it
was found that in conditions of high local ECM strain the
apparent cellular strains appeared to be lower than that in the
ECM [4]. Thus, since ECM strains were not measured in the
present study, the apparent lack of chondron deformation in
the deep zone may not truly represent matrix deformation.
However, based on the observed characteristics of the defor-
mation field under the indenter (Figure 8), there is a gradual
redistribution laterally of the applied compressive load with
increasing radial depth, and this progressive attenuation of
stresswith increasing radial depthmay be an important factor
contributing to the lack of measured deformation in the deep
zone at the high level of strain.

As would be expected, the tissue bulge in the relief zone
is more pronounced at the medium and high strain levels
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nonloaded region (UR). Only in the tangential zone (TZ) are the chondrons deformed at all the levels of applied strain. In the midzone (MZ),
there is compression of the chondrons at the applied medium and high strain only. The deep zone (DZ) chondron shape appears unchanged
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Figure 7: Bulge development resulting from the channel relief zone in the indenter (outlined in grey) between the two directly loaded regions
(P). Macroimages (a), (b), and (c) show typical indentation profiles of samples compressed to low, medium, and high levels of strain.The bold
and dotted lines on the right gauge the undeformed and deformed thicknesses, respectively, of each of the sections shown. In the boxed inset
the dotted lines are shown side-by-side to illustrate the relative differences in the low, medium, and high strain levels in the directly loaded
regions.

compared to that in the lowest strain. However, the bulge
curvature did not change significantly between the medium
andhigh strain levels—rather therewas an increased intensity
of oblique and counter-oblique shear band formation in
the latter. This suggests that while the maximum effect of

the strain limiting surface in resisting the deformation may
have already been reached at the medium level of strain,
there is increasing matrix consolidation above this medium
strain level involving more complex modes of deformation
(see Figure 8) as well as relatively abrupt shear discontinuities
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Figure 9: Images of the channel relief zone from a sample tested at the high strain level. (a) Obliquely directed shear bands (dotted line).
White arrows in (a) indicate matrix “flow lines” originating from the adjacent directly loaded regions. (b) Smaller dotted lines highlight a
transverse directionality to minor compression bands formed within the oblique shear bands (dashed line). (c) shows in greater detail the
features of theminor bands within the larger shear bands. Arrows indicate an in-phase fibrillar crimping fromwhich the transversely directed
minor bands (highlighted with the small dotted line) are derived. (d) Arrows point to chondrocyte distortion within the transverse bands.
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High strain level

Figure 10:Highmagnification of boxed region shown in Figure 9(a).
The shear bands terminate abruptly at a distinct curvilinear bound-
ary (dotted line). Beyond this boundary the chondrocytes are rela-
tively undistorted by shear (see inset) compared to those within the
sheared region (white arrow).

leading to the formation of a “triple point” in the matrix
deformation pattern (see Figure 11).

It is worth noting that this “triple point,” situated in the
directly loaded region near the edge of the channel space,
contains a distinct shear discontinuity between the upper and
deeper zones that has previously been shown to give rise to
the “chevron” pattern of deformation induced during matrix
compression [8, 16, 21]. At this same triple point there is
a confluence of three different chondrocyte alignments (see
regions X, Y, and Z in Figure 11) resulting from the chevron
deformation field meeting the radially aligned matrix in the
relief zone. The shear bands produced by this confluence
are most intense where the shear discontinuity is present in
the upper section of the matrix bulge. Further, shear band
formation, occurringmostly in themid to deeper zonematrix
(Figure 9), is a clear indication of a significant transverse
interconnectivity in the fibrillar structure which helps limit
the extent of upwelling of the tissue in the relief zone
while also facilitating lateral redistribution of load within the
cartilage matrix.

Importantly too is the apparent relationship between
this lateral redistribution of the load and the stress relax-
ation response reported for the different strain levels. At
all three predetermined strain levels used, because of the
relatively rapid rate of loading employed (1mm/sec), the
initial response of the cartilage matrix will approximate near
instantaneous, fluid flow-independent elastic behaviour. The
initial phase of stress relaxation, that is, the viscous response
(see schematics in Figure 12) will be achieved via the outflow
of the bound matrix fluid through the initially maximally
hydrated collagen/proteoglycan network. Importantly this
outflow is via a lateral displacement of fluid given that
the indenter is nonporous and the varying levels of lateral
deformation of the matrix as shown in the microstructure
data. With increasing levels of strain, the matrix becomes
more compact the permeability is reduced, and this would
then account for the increasing relaxation times (𝜏

1
) recorded

for the viscous phase of the stress relaxation response.
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Figure 11: A structural “triple point” is developed between the
directly loaded region and the relief zone, and this feature arises
from the confluence of three complex deformation fields. One
boundary is formed in the directly loaded region between the upper
more strain-limiting layer and its underlying matrix (see inset a-b)
and defines the chevron shear boundary. The other boundary (c-b-
d) separates the relief zone with its oblique shear band development
from the upper and lower zones devoid of such oblique shear bands.
This triple point highlights the discontinuities in the deformation
field associated with the transition between directly and nondirectly
loaded regions and across zonal depths. X, Y, and Z show in high
magnification the three regions of interest.

By increasing the level of strain from low to medium
to high, the cartilage matrix progressively consolidates, and
the viscous response is correspondingly reduced, as direct
solid load-bearing increases. This explains why at the lowest
strain level there was a larger viscous response without any
detectable mid-to-deep zone matrix deformation. Therefore,
it is likely that the final near-equilibrium stress at the
low strain level reflects mostly the matrix swelling pressure
generated by the increased concentration of proteoglycans
associated with this lowest state of strain. By contrast, at
the highest strain levels the equilibrium stress is a measure
mostly of the elastic resistance of the near-consolidated solid
matrix, that is, one in which the bulk of the moveable
fluid has been removed [22]. The equilibrium stress at low
strains might therefore be utilised as an indicator of the
internal swelling potential and thus potentially useful in
assessing matrix changes associated with the early stages of
degeneration. These early changes would include both a loss
of integrity of the water-binding proteoglycan component
and the reduction in their efficiency of entrapment associated
with fibril destructuring as described earlier by Broom et al.
[23].

What about the second phase of stress relaxation, that
is, the relatively elastic response? It is proposed that this
second relaxation phase represents the viscoelastic response
of the increasingly consolidated “solid matrix” undergoing
deformation as a result of fluid displacement into the nondi-
rectly loaded region (Figure 13) (the term “solid matrix” used
in this context refers to the solid components (primarily
collagen and PGs) and any still-bound fluid remaining under
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𝑃
𝑃

𝑃

(a) (b) (c)

Initial viscous
response

(d)

Figure 12:The initial stress relaxation response, or viscous response, is illustrated here. Going from (a) to (b), the initial linear elastic resistance
to compression is a combination of the deformation in the spring component and an instantaneous hydrostatic pressure in the dashpot.
Going from (b) to (c) the stress then decays, with fluid flow through permeable walls (d), until the quasi-equilibrium state “𝑃” is attained
following reduction in matrix permeability. This equilibrium stress state 𝑃 is a transition before the next stress relaxation phase takes place
(see Figure 13).

𝑃

𝑃

Figure 13: Following the initial stress relaxation response (or viscous response described in Figure 12), the second phase elastic response is
illustrated here.Thedissipation of stress𝑃 to a lower stress level andfinal equilibrium is governed by the solidmatrix deformation, laterally.The
extent of lateral matrix deformation, as shown in the earlier microimages of increasing shear (Figure 8), is correlated with larger compressive
strain levels.Thus the lateral matrix deformation is a function of “𝑃” or the amount pressure remaining following the completion of the initial
viscous response.

the prevailing near-equilibrium stress). Such an interpreta-
tion is supported by comparing stress relaxation responses
from confined compression using a porous indenter (such
as that used by Soltz and Ateshian, 1998) with unconfined
compression using a nonporous indenter (such as that used
both in the present study and by [24]). The stress relaxation
curves reported by Soltz and Ateshian [25] do not show the
second phase elastic response, while the responses of Mäkelä
et al. [24] are very similar to those in the present study.
This difference in the stress relaxation curve response could
therefore be attributed to a confined versus nonconfined test

protocol where, in the latter, lateral flow of fluid can take place
into the surroundingmatrix.Mäkelä et al. [24] also compared
the stress relaxation responses of healthy versus degenerate
cartilage and showed that with matrix degeneration the first
viscous phase of relaxation occurs very rapidly, followed by
a second elastic phase exhibiting minimal further decay in
stress over time.

Active fluid flow processes cannot of course be visualised,
only their consequences leading to the near-equilibrium
states captured by chemical fixation of the near-equilibrium
loaded state. However, our “channel indenter” experiment
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provides a means of capturing morphologically this complex
interplay between structure, mechanical response, and fluid
flow in the cartilage-on-bone system. In effect the channel
space permits the cartilage throughout its various zonal
regions to deform in a manner governed entirely by the
restrictions imposed (i) by the strain-limiting tangential
zone, (ii) the anchorage into the subchondral plate, (iii)
the interconnectivity of the fibrillar network, and (iv) the
intrinsic swelling potential constrained within a deformable
fibrillar network.

To conclude, many of the current computationally based
models of cartilage are limited by the degree of structural
simplification required. It is hoped that our microstructural
findings, linked directly tomeasurablemechanical responses,
will contribute to the ongoing development of cartilage
models that incorporate higher degrees of structural realism.
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The aimof this studywas to investigate if the experimentally detected altered chondrocyte volumetric behavior in early osteoarthritis
can be explained by changes in the extracellular and pericellular matrix properties of cartilage. Based on our own experimental
tests and the literature, the structural and mechanical parameters for normal and osteoarthritic cartilage were implemented into
a multiscale fibril-reinforced poroelastic swelling model. Model simulations were compared with experimentally observed cell
volume changes in mechanically loaded cartilage, obtained from anterior cruciate ligament transected rabbit knees. We found that
the cell volume increased by 7% in the osteoarthritic cartilage model following mechanical loading of the tissue. In contrast, the
cell volume decreased by 4% in normal cartilage model. These findings were consistent with the experimental results. Increased
local transversal tissue strain due to the reduced collagen fibril stiffness accompanied with the reduced fixed charge density of
the pericellular matrix could increase the cell volume up to 12%. These findings suggest that the increase in the cell volume in
mechanically loaded osteoarthritic cartilage is primarily explained by the reduction in the pericellular fixed charge density, while
the superficial collagen fibril stiffness is suggested to contribute secondarily to the cell volume behavior.

1. Introduction

Osteoarthritis (OA) is a progressive joint disease, in which
the tissue composition, structure, and mechanical properties
are altered significantly [1–3]. Anterior cruciate ligament
transection (ACLT) in rabbits is a common and well-defined
model of early OA. Alterations in knee joint cartilage fol-
lowing ACLT have been shown to mimic changes in human
OA cartilage both structurally and biologically, although the
disease progression is faster in rabbits than in humans [4, 5].
During the early stages of OA, the superficial proteoglycan
(PG) content and collagen fibril orientation are reported

to be altered, while the collagen content remains relatively
unchanged [1–3, 6] or is slightly reduced [7]. In addition,
it has been suggested that the pericellular matrix (PCM) is
also changed in early OA [8–10]. These changes in ECM
and PCM properties and structure lead to altered osmotic
and mechanical environments for the chondrocytes [11–
15], possibly altering chondrocyte volume, morphology, and
biosynthesis [6, 11–13, 15, 16]. The ability of the PCM to
protect cells may also become weakened in OA [9, 10, 17–21],
exposing cells to malfunction and death.

It has been reported that experimental chondrocyte
deformations in response to mechanical load substantially



2 Computational and Mathematical Methods in Medicine

differ in ACL transected joint compared to contralateral and
normal joints. Especially, the cell volume has been shown to
increase in mechanically loaded ACL transected joint carti-
lage, while it has been reported to decrease in contralateral
and normal joint cartilage [22, 23]. It is speculated that the
increase in cell volume results primarily from the altered
PCM properties [8–10, 18, 20, 24–26]. However, the effect
of changes in tissue properties on cell volumetric behaviour
cannot be easily quantified using experimental techniques.
Finite element (FE) analysis can be used to evaluate specific
properties of articular cartilage on chondrocyte function [3,
9, 10, 18, 20, 24–27]. Specifically, fibril-reinforced biomechan-
ical FEmodels can differentiate between the effects of changes
in different cartilage constituents (i.e., collagen network, fixed
charge density (FCD), and interstitial fluid) in the ECM and
PCM on cell responses and cell-tissue interactions [10, 18, 20,
24–27].

The aim of this study was to find the cause for the
altered cell deformation behaviour in healthy cartilage and
cartilage in the early stages of OA using fibril-reinforced
computational modeling. The models including ECM, PCM,
and cell accounted for depth-dependent changes in colla-
gen content, FCD, and collagen orientation, as obtained
fromFourier Transform InfraRed (FTIR)microspectroscopy,
digital densitometry (DD), and polarized light microscopy
(PLM) of the experimentally tested samples. We simulated
theoretically the experimentally used loading protocol and
analyzed the corresponding changes in cell volume and
morphology. Furthermore, we conducted parametric analysis
to quantify the individual contributions of the FCD, collagen,
and water of the PCM and ECM on the changes in cell
volume.We hypothesized that primarily the properties of the
collagen fibrils in the ECM and the amount of fixed charges
in the PCM affect cell volumetric behaviour. As a result,
this study provides better understanding of the interactions
between chondrocytes, PCM, and ECM in early OA.

2. Materials and Methods

2.1. Experimental Analysis of Cell Volume. In previous exper-
imental studies, patellae from skeletally mature New Zealand
white rabbits were harvested 4 weeks [22] and 9 weeks [23]
after ACLT. The samples were taken from the experimental
and contralateral (CNTRL) joints [22, 23]. Surgical procedure
was carried out according to the guidelines of the Canadian
Council on Animal Care and was approved by the committee
on Animal Ethics at the University of Calgary.

The cartilage samples were stained with Dextran (Invit-
rogen, Molecular Probes, OR, USA, final concentrations
0.8mg/mL [23] and 4.8mg/mL [22]) for four to eight hours
at 4∘C, washed in phosphate buffered saline (PBS) in order to
remove excess Dextran, and fixed in a sample holder. Then,
the samples were kept in PBS. For more details, see [22, 23].

A laser scanning microscope (Zeiss LSM 510META,
Carl Zeiss, Inc., Germany) with conventional confocal and
dual-photon modes combined with an indentation system
(indenter dia. 2mm) was used for simultaneous cell imaging
and mechanical indentation of the samples obtained 9 [23]

and 4 [22] weeks after ACLT. Calibration of the system
was done by imaging polystyrenemicrospheres (Polysciences
Inc., Warrington, PA, USA, diameter 5.93±0.05) in Dextran-
stained agarose gel. A 2MPa pressure was first applied on
the middle of the sample at a speed of ∼6𝜇m/s [23] and
∼10 𝜇m/s [22]. This was followed by force relaxation; that is,
the displacement was held constant for 20 minutes. For the
analysis of cell volume and morphology, image stacks were
captured at 0.5𝜇m increments up to 60 𝜇m in depth from
the cartilage surface, before and after themechanical loading.
Image thresholdswere defined for each cell individually using
the median value of the intensity histogram of the image [22,
23] and 3D images of the cells were reconstructed. Local axial
and transversal ECM strains were calculated according to the
previous studies (𝜀 = (𝑑 − 𝑑

0
)/𝑑
0
, where 𝑑

0
and 𝑑 are the

distances between cells before and after loading, respectively)
[22, 23, 28]. System calibration, 3D image reconstruction, cell
volume andmorphology analysis, and determination of local
ECM srains are presented in more detail in previous studies
[22, 23, 29].

2.2. Microscopic Analysis of Tissue Structure and Composition.
Following indentation testing, composition (collagen and PG
content), and collagen orientation of the cartilage samples
were determined using FTIR microspectroscopy, DD, and
PLM, respectively [22]. Patellae were fixed in formalin, decal-
cified in EDTA, dehydrated, and treated with xylene before
embedding in paraffin (for details, see [30–32]). Microscopic
sections (three sections per sample, thickness 5𝜇m for
FTIR, and 3 𝜇m for DD and PLM [22]), obtained from the
same area where the mechanical loading of the cartilage
occurred, were cut perpendicularly to the cartilage surface.
The sections for PLM and FTIR were deparaffinized and
PGs were removed with hyaluronidase digestion (1000U/mL
hyaluronidase, Sigma-Aldrich, St. Louis, MO, USA). For DD
the samples were stained with safranin-O. Sections for FTIR
were placed on ZnSe windows, while those for PLM and DD
were placed on standard microscopic slides. FTIR, DD, and
PLM techniques for the analysis of cartilage structure and
composition have been presented in detail in several other
studies [3, 7, 30, 31, 33–38]; thus, only a brief description of
these methods is given here.

Spatial PG content of the samples was determined with
DD (Photometrics CH250 ltd., Tucson, Arizona, USA) by
quantifying the optical density (OD) of safranin-O stained
sections [22, 33–37]. Absorbance images (4x magnification,
700ms exposure time) were captured from the cartilage
surface to the cartilage-bone interface fromamanually drawn
∼400𝜇m wide rectangular profile. Profiles were averaged
horizontally to indicate the depth-dependent PG content of
the samples.

2.3. Finite Element Analysis. An axisymmetric finite element
(FE)model was constructedwith fibril-reinforced poroelastic
swelling properties [24, 39]. Briefly, in the fibril-reinforced
model, articular cartilage is assumed to be a biphasic material
consisting of a nonfibrillar (PGs and fluid) and a fibrillar
(collagen network) matrix. The fibrillar matrix is composed
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of organized primary and randomly organized secondary
fibrils. The primary fibrils possess an arcade-like orientation;
in the superficial zone fibrils are parallel to the surface; in
the middle zone they bend toward the deep zone where the
fibrils are perpendicular to the cartilage surface [40]. At each
integration point, the initial fibril orientation is expressed by
a unit vector ( ⃗𝑒

𝑓,0
). Following tissue deformation, the fibril

network is realigned and new fibril orientations ( ⃗𝑒
𝑓
) are

calculated using the following equation:

⃗𝑒
𝑓
=

F ⋅ ⃗𝑒
𝑓,0


F ⋅ ⃗𝑒
𝑓,0



, (1)

where F is the deformation gradient tensor. The collagen
network was modeled using elastic fibrils resisting only
tension; thus, the fibril stress (𝜎

𝑓
) is given by

𝜎
𝑓
= {

𝐸
𝑓
𝜀
𝑓
, 𝜀
𝑓
≥ 0,

0, 𝜀
𝑓
< 0,

(2)

where 𝐸
𝑓
is the fibril network modulus and 𝜀

𝑓
is the fibril

strain. The primary and secondary fibril stresses can be
expressed as

𝜎
𝑓,pri = 𝜌𝑐,tot𝐶𝜎𝑓 (for primary fibrils) ,

𝜎
𝑓,sec = 𝜌𝑐,tot𝜎𝑓 (for secondary fibrils) ,

(3)

where 𝜎
𝑓,pri and 𝜎𝑓,sec are the stresses of primary and sec-

ondary fibrils, respectively;𝐶 is a positive constant describing
the density ratio between primary and secondary fibrils; and
𝜌
𝑐,tot is the depth-dependent total collagen fraction per total
solid volume [39]. The number of fibrils in each integration
point was set to 𝑛pri = 2 and 𝑛sec = 7 [39].

The nonfibrillar matrix was implemented as a nonlinear
neo-Hookean porohyperelastic material. The neo-Hookean
stress (𝜎

𝑚
) can be expressed as

𝜎
𝑚
= 𝐾

ln (𝐽)
𝐽

I + 𝐺
𝐽
(F ⋅ F𝑇 − 𝐽2/3I) , (4)

where 𝐾 and 𝐺 are bulk and shear moduli, 𝐽 = det(F),
and I is unity tensor. Permeability 𝑘 was implemented as in
previous studies [18, 39, 41] and assumed to be void-ratio
dependent according to [42]

𝑘 = 𝑘
0
(
1 + 𝑒

1 + 𝑒
0

)

𝑀

, (5)

where 𝑘
0
is the initial permeability; 𝑒 and 𝑒

0
are the current

and initial void ratios, respectively; and 𝑀 is a positive
constant.

The fibril-reinforced model included also osmotic swell-
ing and chemical expansion stresses to account for tissue
swelling. The Donnan osmotic swelling pressure gradient at
equilibrium can be determined as, [43],

Δ𝜋 = 𝜙int𝑅𝑇(√𝑐
2

𝐹
+ 4

(𝛾±êxt)
2

(𝛾±int)
2
) − 2𝜙ext𝑅𝑇𝑐ext, (6)

where 𝜙int, 𝜙ext, 𝛾
±

int, and 𝛾±êxt are internal and external
osmotic coefficients and internal and external activity coef-
ficients, respectively; 𝑐ext is external salt concentration
(0.15M); 𝑅 is the molar gas constant (8.3145 J/mol K); 𝑇 is the
absolute temperature (293K). The chemical expansion stress
can be expressed as, [44],

𝑇
𝑐
= 𝑎
0
𝑐
𝐹
exp(𝜅

𝛾
±

êxt
𝛾±int

√𝑐− (𝑐− + 𝑐
𝐹
)) , (7)

where 𝑎
0
and 𝜅 arematerial constants [39] and 𝑐− is themobile

anion concentration.
Total stress (𝜎

𝑡
) in the fibril-reinforced poroelastic

swelling model is given as follows, [39]:

𝜎
𝑡
=

tot𝑓

∑
𝑖=1

𝜎
𝑖

𝑓
+ 𝜎
𝑚
− 𝑇
𝑐
I− Δ𝜋I − 𝜇

𝑓
I, (8)

where 𝜎𝑖
𝑓
is the individual fibril stress, tot𝑓 is the total

number of fibrils, and 𝜇
𝑓
is the electrochemical potential of

water [44].
FTIR was used to determine the spatial collagen con-

tent of cartilage by observing the characteristic infrared
absorption spectrum of cartilage [3, 7, 22, 23, 38, 45, 46].
Samples were imaged (spectral resolution = 4 cm−1, pixel
size = 6.25 𝜇m) from the cartilage surface to the subchondral
bone (500 𝜇mwide rectangular area). Obtained spectra were
offset-corrected by subtracting the minimum value of the
spectra, and the average depth-wise collagen content was
calculated by averaging the integrated absorbance values of
amide I peak (1585–1720 cm−1) [3, 7] in a plane parallel to
the cartilage surface. All FTIRmeasurementswere performed
using a PerkinElmer Spectrum Spotlight 300 FTIR-imaging
system (Perkin Elmer, Waltham, MA, USA) in transmission
mode.

PLMwas used to analyze depth-dependent collagen fibril
orientation [22, 30, 31, 33]. Measurements were conducted on
unstained sections (width ∼400𝜇m, height from the surface
to the cartilage-bone interface) by using a Leitz Ortholux II
POL polarized light microscope (Leitz, Wetzlar, Germany)
and a Peltier-cooled, high-performanceCCD camera (Photo-
metrics SenSys, Roper Scientific, Tucson, AZ, USA). Images
were recorded with a 4x magnification and an exposure time
of 800ms. Finally, a depth-wise collagen fibril orientation
map was calculated with Stokes parameters [31].

2.3.1. ACL Transected and Contralateral Models. For the FE
simulation of experimental measurements, a global model
was constructed for an indentation geometry containing 1608
4-node axisymmetric porous elements (type CAX4P) and
included only the ECM (Figure 1).The indenter was assumed
rigid in the model. The movement of the symmetry axis
was restricted in the lateral direction, while the bottom of
the sample was fixed in the axial direction. At the edge
of the cartilage and free cartilage surface (not in contact
with the indenter), free fluid flow was allowed. At the initial
position the indenter was not in contact with cartilage
surface. After a free swelling step (tissue swelling due to (6)
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Figure 1: Finite elementmodel (a) and correspondingmicroscopy andmechanical testing setup (b). Fixed patellar cartilage samples immersed
in phosphate buffered saline (PBS) were imaged during mechanical loading. Image stacks were formed and cell volumes and dimensions
calculated before and after loading (at steady state). Then, an axisymmetric global model and a micromodel were constructed. Cell volume
and morphology before loading and at equilibrium were analyzed and compared with experimental results.

Table 1: Mechanical, structural, and compositional parameters of
the ECM, PCM, and cell of the reference model. Parameters were
implemented into the fibril-reinforced poroelastic swellingmodel of
articular cartilage.

ECM PCM Cell
Mechanical parameters
𝐸
𝑓
(MPa) 10 0.1∗𝐸ECM

𝑓
—

𝐸
𝑚
(MPa) 0.505 0.0505 0.017

𝜐
𝑚

0.15 0.15 0.30
𝑘 (10−15 m4/Ns) 1.9 1.9 1900

Composition
𝑛
𝑓

0.85 − 0.15𝑧 0.85 0.61
𝑐
𝐹
(mEq/mL) 0.11 + 0.09𝑧 0.14 + 0.12𝑧 0.08

Zone depth
Superficial 0.07 — —
Middle 0.18 — —
Deep 0.75 — —

and (7)) the indenter was moved to contact with the cartilage
surface. A frictionless contact was assumed between the
cartilage surface and the indenter. The contact was followed
by a 2MPa compression step and a 20min force relaxation
period, as done in the experiments [22, 23]. The submodel,
located in the superficial zone and driven by a nodal output
(displacements and pore pressures) obtained from the global

model, was constructed with a small portion of the ECM (398
elements). It included the PCM (80 elements) and cell (102
elements) (Figure 1). Cell height and width were determined
directly from the experimental 3D reconstructions.Thefibril-
reinforced poroelastic swelling material was implemented
for the ECM and PCM with user-defined material script
(UMAT), while the fibrils were ignored in the cell. Simula-
tions were performed with Abaqus 6.11-2 (Dassault Systémes,
Providence, RI, USA).

First, the composition, structure, and mechanical param-
eters of contralateral joint cartilage were obtained from the
microscopic and spectroscopic analyses and the literature,
and implemented into the model (Figure 2, Tables 1 and 2,
CNTRL model). The zonal thicknesses, obtained from the
PLM data of the contralateral joint cartilage (Figure 2(b)),
were 7%, 18%, and 75% of cartilage thickness for the super-
ficial, middle, and deep zones, respectively [47]. The water
fraction, collagen fraction, and FCD values were obtained
from earlier studies [24, 48]. The PCM collagen stiffness was
assumed to be 10% of that of the ECM and the fluid fraction
was assumed constant, similarly as in earlier studies [10, 18].
The FCD of the PCM was assumed to be higher than that of
the ECM (1.27 times the FCD of the ECM) [10, 18] and the
collagen network direction in the PCMwas parallel to the cell
membrane [21]. The FCD of the cell was assumed to be lower
than that of the ECM [49] and it was similar as used in earlier
studies [10, 18, 50]. Permeability was assumed to be nonlinear,
void-ratio dependent (𝑀 = 8.1, (5)) in the ECM [10, 18] and
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Table 2: Parameters implemented in the parametric fibril reinforced poroelastic swelling models. Parametric analyses were conducted by
varying one parameter, while the other parameters were kept constant. CNTRL: contralateral, ACLT: anterior cruciate ligament transected.

Model Collagen stiffness (𝐸
𝑓
) (MPa) Fixed charge density (𝑐

𝐹
) (mEq/mL) Fluid fraction (𝑛

𝑓
)

ECM PCM Cell ECM PCM Cell ECM PCM Cell
Experimental loading
protocol†:

CNTRL model Table 1 Table 1 Table 1 Table 1 Table 1 Table 1 Table 1 Table 1 Table 1
ACLT model 7.5 0.1 × 𝐸ECM

𝑓
Table 1 0.08 + 0.12𝑧 0.11 + 0.09𝑧 Table 1 0.9 − 0.2𝑧 0.90 Table 1

Parametric CNTRL PCM
model Table 1 [0.01, 1] × 𝐸ECM

𝑓
Table 1 Table 1 [0.02, 0.18] Table 1 Table 1 [0.50, 0.95] Table 1

Parametric ACLT PCM
model 7.5 [0.01, 1] × 𝐸ECM

𝑓
Table 1 0.08 + 0.12𝑧 [0.02, 0.18] Table 1 Table 1 [0.50, 0.95] Table 1

Parametric ECMmodel [7.5, 10] 0.1 × 𝐸ECM
𝑓

Table 1 ∗∗ Table 1 Table 1 [0.50, 0.90] Table 1 Table 1
Constant strain:

Parametric ECMmodel [2.5, 10] 0.1 × 𝐸ECM
𝑓

Table 1 ∗∗ Table 1 Table 1 [0.50, 0.90] Table 1 Table 1
Parametric PCMmodel 1 Table 1 [0.01, 1] × 𝐸ECM

𝑓
Table 1 Table 1 [0.02, 0.18] Table 1 Table 1 [0.50, 0.95] Table 1

Parametric PCMmodel 2 7.5 [0.01, 1] × 𝐸
ECM
𝑓

Table 1 Table 1 [0.02, 0.18] Table 1 Table 1 [0.50, 0.95] Table 1
Parametric PCMmodel 3 5.0 [0.01, 1] × 𝐸ECM

𝑓
Table 1 Table 1 [0.02, 0.18] Table 1 Table 1 [0.50, 0.95] Table 1

Parametric PCMmodel 4 2.5 [0.01, 1] × 𝐸ECM
𝑓

Table 1 Table 1 [0.02, 0.18] Table 1 Table 1 [0.50, 0.95] Table 1
†

In the experimental loading protocol the strain was kept constant after a loading stress of 2MPa was reached.
∗∗In the parametric ECM model 5 different depth-dependent FCD distributions were implemented (𝑐𝐹 = 0.011 + 0.009𝑧, 𝑐𝐹 = 0.06 + 0.045𝑧, 𝑐𝐹 = 0.11 +
0.09𝑧, 𝑐𝐹 = 0.165 + 0.135𝑧, and 𝑐𝐹 = 0.22 + 0.18𝑧). 𝑧 is normalized cartilage depth (0 = surface, 1 = bottom).
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Figure 2:Microscopic analyses of the anterior cruciate ligament transected (ACLT) and contralateral (CNTRL) cartilage sections as a function
of the normalized tissue depth (0 = surface, 1 = cartilage-bone interface) [22]. (a) Depth-dependent optical density (OD) representing
proteoglycan content of the ACLT and CNTRL cartilage. (b) Depth-dependent collagen fibril orientation angle of the ACLT and CNTRL
cartilage. Data is presented as mean ± S.D. ∗𝑃 < 0.05 between the groups.

constant (𝑀 = 0, (5)) in the PCM and cell. A summary of
the mechanical, structural, and compositional parameters of
the ECM, PCM, and cell for the reference CNTRL model is
presented in Table 1.

The changes in cartilage properties in early OA (i.e.,
reduced collagen fibril stiffness due to increased superficial
fibrillation in the ECM and decreased superficial FCD),
estimated from our 4-week experimental test group [22],

were implemented into the ACLT model (Figure 2, Table 2,
ACLT model). In addition, fibrillation of the PCM collagen
fibrils by the reduced collagen fibril stiffness, decreased FCD
content in the PCM and increased water content in the
PCM, and ECM, presumably present in the ACLT (early OA)
cartilage [1–4], were also implemented into the ACLTmodel.
However, consistent with our experimental measurements
[22], collagen content (see (3)) was not changed in the ACLT
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Table 3: Local ECM and cell strains, and cell volume in contralateral (CNTRL) and anterior cruciate ligament transected (ACLT) rabbit knee
joint cartilages 4 weeks (Turunen et al. [22],𝑁 = 8 pairs of joints, 𝑛 = 77 in CNTRL group cells, 𝑛 = 79 in ACLT group cells) and 9 weeks (Han
et al. [23] ,𝑁 = 4 pairs of joints, 𝑛 = 48 cells in both groups) after ACL transection. Experimental data is presented as mean ± standard error
of mean.

Turunen et al. [22] Han et al. [23] Simulations
CNTRL ACLT CNTRL ACLT CNTRL ACLT

Local axial ECM strain (%) 43 ± 4 47 ± 4 27 ± 5 38 ± 4∗∗ 30 39
Local transverse ECM strain (%) 17 ± 4 20 ± 3 8 ± 3 14 ± 3∗ 6 11
Change in cell height (%) 24 ± 2 17 ± 2∗∗ 18 ± 2 12 ± 2 29 38
Change in cell width† (%) 13 ± 1 22 ± 1∗∗∗ 7 ± 1 12 ± 1∗∗ 20 36
Change in cell volume (%) −5 ± 1 24 ± 4∗∗∗ −8 ± 2 8 ± 2∗∗ −4 7
†

In the experiments, cell width refers to an average width and depth.
∗
𝑃 < 0.05, ∗∗𝑃 < 0.005, ∗∗∗𝑃 < 0.001 between CNTRL and ACLT groups.

model. The CNTRL and ACLT models were compressed as
in the experiments explained above. Then, the normalized
cell volume was analyzed from both models and compared
with the experimental results. In addition to the cell volume
behavior, local axial and transversal ECM strains, and cell
morphology obtained from the experimental studies [22, 23],
were compared with the results from the FE simulations.

2.3.2. Parametric Studies

Experimental Loading Protocol. In order to clarify the impor-
tance of the ECM and PCM properties on the cell volume for
experimentally applied loading protocol, sensitivity analyses
were conducted. The effects of the alterations in the ECM
collagen fibril stiffness, FCD, and fluid fraction on the cell
volume were explored, while the PCM properties were kept
unchanged (Table 2, parametric ECMmodel). Since the PCM
properties were hypothesized to further modulate the cell
volume, but they could not be obtained directly from the
experiments, a sensitivity analysis of the importance of PCM
properties (i.e., varying PCM collagen fibril stiffness, FCD,
and fluid fraction) on the cell volume was further conducted
(Table 2, parametric CNTRL PCM and ACLT PCMmodels).
The effect of the PCM properties in the CNTRL and ACLT
models was simulated with and without the chemical expan-
sion stress (see (7)). Finally, the effect of the pericellular FCD
after free swelling step on chondron properties (cell volume,
average fibril strain in the PCM, and average osmotic pressure
in the PCM) was investigated.

Constant Strain. Since a major decrease in the collagen fibril
modulus of the ECM increased tissue strain substantially by
using the experimental loading protocol, the effect of the
ECM and PCM properties on the normalized cell volume
was also parametrically analyzed for constant tissue strain
(𝜀 = 16%) as produced in the experiments [23]. This was
done by varying one of the ECM or PCMmatrix components
individually (collagen stiffness, FCD, fluid fraction) while
keeping the other parameters constant (Table 2, Parametric
ECMmodel and Parametric PCMmodels 1–4).

2.4. Statistical Analysis. All experimental data is presented
as mean ± standard error of mean. A one-way ANOVA was

applied in the parameter comparison between the groups
(ACLT, contralateral). The structural and compositional dif-
ferences between the samples were evaluated with Wilcoxon
signed rank test. SPSS 17.0 (SPSS Inc., Chicago, IL, USA) was
used for statistical analyses.

3. Results

3.1. Experimental Results versus FE Simulations. The average
superficial zone cell volume at steady state following tissue
compression (2MPa compression followed by 20min force
relaxation) was reduced by 5 ± 1% in contralateral and
increased by 24± 4% inACLT joint cartilage obtained 4weeks
after ACL transection [22]. In the cartilage samples obtained
9 weeks after ACL transection, the mechanical compression
caused a 8 ± 2% decrease in the superficial tissue cell volume
in contralateral and an 8± 3% increase in the superficial tissue
cell volume in ACLT joint cartilage [23]. Volume changes
between the contralateral andACLTgroupswere significantly
different in both 4 week (𝑃 < 0.001) and 9 week (𝑃 < 0.005)
studies. In the FE model representing contralateral cartilage
(Table 2, CNTRL model), a 4% decrease in superficial tissue
cell volume was observed as a result of tissue compression.
In the FE model representing ACLT joint cartilage (Table 2,
ACLT model), cell volume increased by 7% (Figure 3).

As a result of tissue compression, change in cell height
(axial cell strain) was 7 percentage points lower (𝑃 < 0.005)
and change in cell width (transversal cell strain) was 9
percentage points higher (𝑃 < 0.001, Table 3, Turunen
et al. [22]) in the ACLT joint cartilage (4 weeks after ACLT),
compared to the contralateral group. In the ACLT joint
cartilage obtained 9 weeks after ACLT, change in cell height
was 6 percentage points (𝑃 < 0.005) lower and change
in cell width was 5 percentage points higher (𝑃 < 0.001,
Table 3, Han et al. [23]), compared to the contralateral
group. In the FE model representing ACLT joint cartilage,
tissue compression increased the change in cell height and
width by 9 and 16 percentage points, respectively (Table 3,
simulations), compared to the contralateral model.

In the ACLT joint cartilage obtained 4 weeks after ACLT,
average local ECM strains as a result of tissue compression
were 4 and 3 percentage points higher in axial and transversal
directions, respectively, compared to the contralateral group
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Figure 3: Experimentally detected normalized cell volume (cell vol-
ume after loading/cell volume before loading) in cartilage samples
obtained from experimental (ACLT) and contralateral (CNTRL)
joints at four weeks (Turunen et al. 2012) [22] and nine weeks
(Han et al. 2010) [23] after anterior cruciate ligament transection.
Results from the fibril-reinforced poroelastic models, representing
contralateral (Table 2, CNTRLmodel) andACLT cartilages (Table 2,
ACLT model) are also shown (simulations). In all cases, a contact
pressure of 2MPa was applied, followed by a 1200 s force relaxation.
Cell volume behaviour in the nonoperated normal groupwas similar
to contralateral cartilage [23]. Experimental data is presented as
mean ± standard error of mean. ∗∗𝑃 < 0.005, ∗∗∗𝑃 < 0.001 between
the groups.

(Table 3, Turunen et al. [22]). In the ACLT joint cartilage
obtained 9 weeks after ACLT, average local ECM strains were
11 (𝑃 < 0.005) and 6 percentage points (𝑃 < 0.05) higher in
axial and transversal directions, respectively, compared to the
contralateral group (Table 3, Han et al. [23]). In the FEmodel
representing the ACLT joint cartilage, local ECM strains were
9 and 5 percentage points higher in axial and transversal
directions, respectively, compared to the contralateral group
(Table 3, simulations).

3.2. Parametric Studies

3.2.1. Experimental Loading Protocol. Under the experimen-
tal loading protocol, the analysis of the effect of the ECM
properties (Table 2, experimental loading protocol, paramet-
ric ECMmodel) showed that a decrease of the ECM collagen
fibril stiffness from 10MPa to 7.5MPa caused a substantial
increase in the normalized cell volume (Figure 4(a)). High
amounts of the FCD in the ECM increased the cell volume,
while a change in the fluid fraction of the ECM had a
negligible effect on the normalized cell volume (Figures 4(b)
and 4(c)).

Additional analysis of the effect of the PCM properties
in the ACLT model (Table 2, parametric ACLT PCMmodel)
showed that an increase in the PCM collagen fibril stiffness

with respect to the ECM fibril stiffness caused a further
increase in the cell volume in the mechanically loaded tissue
(Figure 5(a)). On the other hand, the maximum increase
in the cell volume (12%) was observed by decreasing the
pericellular FCD (Figure 5(b)). Changes in interstitial fluid
fraction of the PCM had only a minor effect on the cell
volume (Figure 5(c)). The same trends in the behavior of
the normalized cell volume as a function of aforementioned
compositional/structural changes were observed in the con-
tralateral model (Figure 5 and Table 2, parametric CNTRL
PCM model). In addition, those trends remained the same
in the simulations without the chemical expansion stress
(see (7), Figure 5), even though the cell volume increase was
reduced in the ACLT model.

After the free swelling step, a decrease in the pericellular
FCD decreased the average osmotic pressure in the PCM
and increased the absolute cell volume (Figure 6 and Table 2,
parametric CNTRL PCM and parametric ACLT PCM mod-
els). The absolute cell volume was increased more in the
ACLTmodel than in the CNTRLmodel when the pericellular
FCD was lower than that of the cell (<0.08mEq/mL), while
the osmotic pressure remained the same in both models.
When the pericellular FCD was reduced or increased from
the value of ∼0.07mEq/mL, the average fibril strain in the
PCM increased. The fibril strain was higher in the ACLT
model compared to the CNTRL model.

3.2.2. Constant Strain. In the model under a constant strain
(16%; Table 2, constant strain, parametric ECM model) for
20 minutes, a decrease in the extracellular collagen fibril
modulus and FCD decreased the normalized cell volume
(Figures 4(a) and 4(b), respectively). Only high amounts of
the FCD in the ECM caused an increased (>1) cell volume.
A change in the ECM fluid fraction had a negligible effect on
the normalized cell volume (Figure 4(c)).

The models under a constant strain predicted a decrease
in the normalized cell volume when the PCM collagen
fibril modulus was reduced (Figure 7(a)). In the models with
𝐸
ECM
𝑓

= 5–10MPa, the mechanical tissue compression
increased the cell volume (>1) when the PCM collagen fibril
moduluswas greater than∼ 0.2×𝐸ECM

𝑓
.Thiswas not observed

when 𝐸ECM
𝑓

was 2.5MPa. In contrast, the normalized cell
volume increased when the pericellular FCD was reduced
(Figure 7(b)). In the models with 𝐸ECM

𝑓
= 5–10MPa, the

mechanical tissue compression caused an increase in the
cell volume (>1) when the pericellular FCD was less than ∼
0.1mEq/mL.This was not observed when 𝐸ECM

𝑓
was 2.5MPa.

Again, changes in the pericellular fluid fraction had only a
minor effect on the normalized cell volume and it could not
explain the increased cell volume (>1) as a result of tissue
compression (Figure 7(c)).

4. Discussion

We investigated the cell volume behaviour in early OA
cartilage using a fibril-reinforced, poroelastic swellingmodel.
Compositional and structural parameters of the ECM were
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Figure 4: Normalized cell volume (cell volume after loading/cell volume before loading) in the simulations of the experimental loading
protocol (blue, 2MPa stress followed by force relaxation [22, 23]) and for the constant strain protocol (red, 𝜀 = 16%). The cell volume was
analyzed as a function of the ECM (a) collagen fibril modulus, (b) fixed charge density, and (c) fluid fraction. Other model parameters were
as in the CNTRL model (see Table 2, parametric ECMmodel). Above the horizontal line (--) the cell volume is increased and under the line
the cell volume is decreased.

obtained from microscopic and spectroscopic analyses and
literature, and the effects of changes in the ECM and PCM
properties on cell volume andmorphology were investigated.
The FE models simulating normal and OA (reduced fibril
network stiffness due to increased collagen fibril orienta-
tion angle [51], reduced FCD, and increased fluid fraction)
cartilage reproduced experimentally detected cell volume
changes in mechanically loaded cartilage. Increased local

tissue strains as a result of reduced ECM collagen fibril
stiffness and decreased pericellular FCD were shown to have
the most significant effect on cell volume.

The fibril-reinforced swelling model of OA cartilage
was able to reproduce the experimentally observed increase
in cell volume following mechanical tissue loading. The
results specifically showed that increased superficial collagen
network fibrillation in early OA, simulated by reduced tensile
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Figure 5: Normalized cell volume (cell volume after loading/cell volume before loading) in contralateral (CNTRL) and anterior cruciate
ligament transected (ACLT) models as a function of the PCM (a) collagen fibril modulus, (b) fixed charge density, and (c) fluid fraction. Both
CNTRL and ACLTmodels were compressed until a 2MPa contact pressure was reached.This was followed by a 1200 s force relaxation.Model
parameters are presented in Table 2 (CNTRL: Parametric CNTRL PCMmodel, ACLT: Parametric ACLT PCMmodel). Above the horizontal
line (--) the cell volume is increased and under the line the cell volume is decreased. Vertical line (--) in (b) represents the fixed charge density
of the cell in the superficial zone.

strength of the superficial zone collagens, increased global
and local ECM strains; especially local transversal ECM
strain was increased by 3, 6, and 5 percentage points in the
4- and 9-week experimental ACLT groups and ACLT FE
model, respectively, compared to the contralateral groups.
These increases of local transversal ECM strain can explain
increases in cell width and volume following mechanical
loading; 9-, 5-, and 16-percentage-point increase in width
and 29-, 16-, and 11-percentage-point increase in volume
were observed in the 4- and 9-week experimental ACLT
groups and ACLT FE model, respectively, compared to
the contralateral groups. Furthermore, a decrease in the
pericellular FCD, presumably present in early OA, reduced

the PCM swelling pressure and equilibrium stiffness [52,
53]. This further amplified the increase in cell volume
isotropically, and up to 12% larger cell volume was simulated
compared to the cell in the noncompressed cartilage.

In contrast to our other hypothesis, decreases in the
pericellular collagen network modulus could not explain the
experimentally observed increases in cell volume following
mechanical loading. When the collagen fibril modulus of the
PCM was decreased, the stiffer fibrils in the ECM caused
the PCM to experience larger tensile strain in the horizontal
direction, thereby reducing cell elongation and volume.
On the other hand, the pericellular collagen fibril stiffness
may have an indirect effect on the cell volume increase.
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The collagen fibrils resist tissue expansion caused by the FCD,
providing a meshwork for cartilage and holding it together
and in shape [52–54]. If the pericellular FCD is reduced,
tensile forces of this collagen meshwork are reduced, leading
to decreased PCM stiffness.This may allow the cell to expand
in mechanically loaded cartilage. It is possible that under
dynamic/impact loading the effect of the pericellular collagen
on the cell volume would be more apparent, because collagen
fibrils are mainly responsible for the dynamic response of the
articular cartilage.

During the free swelling step, the pericellular FCD
modulated substantially the absolute cell volume, pericellular
fibril strain, and osmotic pressure (Figure 6). As expected,
the reduction in the pericellular FCD decreased the osmotic
pressure in the PCM, thus, allowing a minor increase in
the cell volume. Interestingly, by reducing the FCD of the
PCM below that of the cell, the cell experienced a hypotonic
challenge with inflow of fluid and a substantial volume
increase. Parabolic behavior in the pericellular fibril strain
may be explained by the interaction between the osmotic
pressure, fibrils, and cell. As the pericellular FCD was lower
than the FCD of the cell, the fluid inflow and substantial
increase in the cell volume increased the average fibril strain
in the PCM. On the other hand, with high values of the
pericellular FCD, the increased osmotic pressure increased
the pre-stress of the collagen fibrils in the PCM. Changes in
the absolute cell volume and pericellular fibril strain were
amplified in the ACLT model, which incorporated weaker
collagen fibrils compared to the CNTRL model.

In comparison between ACLT and contralateral groups,
a 2MPa stress followed by a force relaxation was applied.

This led to different tissue strains between the groups as
cartilage properties were altered. As stated above, especially
the reduced superficial collagen fibril modulus increased
both global and local strains, which further led to the
increased cell volume. However, under a constant strain
(16%), changes in the ECM composition observed in the
early OA (i.e., a decrease in the collagen fibril modulus, a
decrease in FCD, and an increase in the fluid fraction [1–
4]) reduced normalized cell volume. Since collagen is known
to control tensile stiffness of cartilage, this suggests that
weakened or fibrillated ECM may expose cells to smaller
tensile, transversal forces, and strains. On the other hand, the
FCD of the ECM has a major role in the swelling properties
and equilibrium response of cartilage [53, 54]. Therefore,
the decrease in the cell volume as a result of the reduced
extracellular FCD content may be explained by the reduced
equilibrium stiffness of the ECM and subsequently reduced
compressive and tensile forces exerted on the chondron.
The parametric analyses of the effect of the PCM properties
produced the same conclusions regardless of the loading
protocol (constant stress followed by force relaxation or
constant strain); only a decrease in the pericellular FCD
caused an increase in the cell volume in mechanically loaded
cartilage.

In the experiments and in the model, equilibrium states
were assumed before compression and after 20min of the
relaxation. Thus, the negligible effect of the fluid fraction
on the normalized cell volume during tissue compression
was observed. In the future, experimental tests should be
conducted to examine cell deformation behaviour under
physiological, dynamic tissue loading, and computational
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Figure 7: Normalized cell volume (cell volume after loading/cell volume before loading) as a function of the PCM (a) collagen fibril modulus,
(b) fixed charge density, and (c) fluid fraction in themodelswith four different ECMcollagen fibrilmodulus (𝐸ECM

𝑓
) values (Table 2, parametric

PCM models 1–4). Other model parameters are as in the reference model. In all models, the strain was kept constant (𝜀 = 16%). Above the
horizontal line (--) the cell volume is increased and under the line the cell volume is decreased. Vertical line (--) in (b) represents the fixed
charge density of the cell in the superficial zone.

modeling should be applied to reveal similar causes for
cell deformation behavior as observed here for steady-state
conditions.

In the experimental measurements, cells in the ACLT
joint cartilage were compressed 7 (4 week ACLT) and 6
percentage points (9-week ACLT) less compared to the
contralateral joint cartilage. However, in the FE model rep-
resenting the ACLT joint cartilage, the cell was compressed
9 percentage points more in the ACLT cartilage model
compared to the contralateral cartilage model (Table 3). The
absolute cell strain values were also higher in the model
than in the experiments. This is consistent with a recent

study, suggesting that the cell stiffness in situ may be sub-
stantially greater than that measured in vitro [20], and that
the PCM properties may have altered substantially more in
the experiments as expected. This suggests that our choices
for the material parameters of the PCM and cell may not
have been fully accurate. Additional analyses showed that
a 50% decrease in the pericellular FCD caused an axial
compressive cell strain of 36% and a transversal cell strain
of 35%. These approached slightly the values observed in the
experiments (Table 3). Moreover, cell properties for instance
due to their hyperactivity in OA cartilage [2, 55–58] may
have increased the cell stiffness in the experiments. This may
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have further increased the difference in cell strains between
the experiments and the model. However, differences in the
absolute cell strain values do not affect the general behavior
of cells and conclusions of this study.

Due to the axisymmetric model, the cell was positioned
at the center of the indenter, thus, local ECM strains and
cell morphology were also defined at that location. In the
experiments, the analyzed cells were located arbitrarily under
the indenter. This could partly explain the differences in
the absolute values of cell strains between the FE models
and experiments. Furthermore, a true 3D geometry with the
split lines of cartilage and different cell width and depth
were not accounted for in the model [18]. 3D modeling
would certainly enable better assessment and modeling of
cell morphology [28, 59]. Especially, changes in cell width
and depth under cartilage loading, and their relationshipwith
split lines, could be studied separately. Nevertheless, the split-
line implementation and real 3D geometry would not change
the conclusions of this study.

Experimental studies investigating simultaneously cell
volume and synthesis have shown that ∼30 and ∼50% static
compression of cartilage decreases cell volume and PG
synthesis approximately ∼30–40% and ∼40–70%, respec-
tively [13–15]. We found only a 4% decrease in the cell
volume for the contralateral joint cartilage under a 16% static
compression, which may indicate only a small alteration
in the cell synthesis. On the other hand, the cell volume
increased by 7% in the ACL transected joint cartilage. It has
been earlier approximated that a change in the extracellular
osmotic environment of chondrocytes from ∼350mOsm to
∼280mOsm can lead to a ∼10–17% increase in the cell
volume and a ∼30% decrease in the synthesis rates of collagen
and PGs [12, 60]. As we investigated cell volume behavior
under static mechanical loading of cartilage, the cell volume
increase and its relationship to cell synthesis may not be
directly related to the results obtained from osmotic loading
experiments. In fact, likely the experimentally detected cell
volume increase in the present study is a result of a failure
in the protection mechanism of the PCM, exposing cells to
abnormal signals and even death.

The study by Huyghe and Wilson [61] indicated that the
current formulation of the chemical expansion stress (see
(7)) does not fulfill the 2nd law of thermodynamics. Yet, it is
discussed in that paper that osmotic pressure alone is not able
to describe the swelling behavior of cartilage. Consistently,
our FE simulations suggest that neglecting the chemical
expansion stress reduces the increase in cell volume in OA
cartilage (ACLT model) and, thus, increases the difference
between the model and experimental results. However, it
does not change the conclusions of this study. It would be
important to find an exact formulation for this property
in order to model the cell and cartilage swelling behavior
accurately.

Several studies have suggested that the PCM may pro-
tect chondrocytes from external stresses [8–10, 18, 19, 24].
Changes in the ECM and PCM properties, due to early
OA, may weaken this protective ability, and this may expose
chondrocytes to abnormal external stresses and strains. The
results of the present study suggest that there are various

simultaneous processes in cartilage during OA progression,
especially PG loss and alterations in the collagen network
[1–4], which contribute to the regulation of the cell volume
and deformation behaviour. Increased tissue deformation as
a result of collagen fibrillation, and subsequently reduced
collagen fibril stiffness, and reduced pericellular FCD are
suggested to be the main modulators of the cell volume,
presumably affecting cell biosynthesis and viability [11–15].
This suggests that the FCD may have an important role in
cell volume regulation, and the contribution of the FCD to
the pre-stress of the collagen network may be important in
preventing “overswelling” of cells. If this state of changed
cell volume persists, it may cause progressive changes or
even degradation in the PCM and ECM, leading to the
progression of OA. Therefore, it appears that if collagen
could be regenerated quicker, or cells could accelerate the
production of FCD in early OA (which has been suggested to
occur in OA [2, 55–58]), early changes in OA could possibly
be reversed.

5. Conclusions

The results of our study suggest that the loss of the FCD in the
PCMandfibrillation of the superficial ECMcause cell volume
increase in mechanically compressed early OA cartilage.
Increased cell volumes may alter chondrocyte biosynthesis,
or even cause cell death, thus exposing the cartilage to matrix
degradation and the progression of OA.
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Computational mechanics has been advanced in every area of orthopedic biomechanics. The objective of this paper is to provide a
general review of the computational models used in the analysis of the mechanical function of the knee joint in different loading
and pathological conditions. Major review articles published in related areas are summarized first. The constitutive models for soft
tissues of the knee are briefly discussed to facilitate understanding the joint modeling. A detailed review of the tibiofemoral joint
models is presented thereafter. The geometry reconstruction procedures as well as some critical issues in finite element modeling
are also discussed. Computational modeling can be a reliable and effective method for the study of mechanical behavior of the
knee joint, if the model is constructed correctly. Single-phase material models have been used to predict the instantaneous load
response for the healthy knees and repaired joints, such as total and partial meniscectomies, ACL and PCL reconstructions, and
joint replacements. Recently, poromechanical models accounting for fluid pressurization in soft tissues have been proposed to study
the viscoelastic response of the healthy and impaired knee joints. While the constitutive modeling has been considerably advanced
at the tissue level, many challenges still exist in applying a good material model to three-dimensional joint simulations. A complete
model validation at the joint level seems impossible presently, because only simple data can be obtained experimentally. Therefore,
model validation may be concentrated on the constitutive laws using multiple mechanical tests of the tissues. Extensive model
verifications at the joint level are still crucial for the accuracy of the modeling.

1. Introduction

The human knee is the largest joint in the musculoskeletal
system, which supports the body weight and facilitates
locomotion. The knee consists of two distinct articula-
tions, the tibiofemoral and the patellofemoral joints [1]. The
tibiofemoral joint is one of the most complex articulations
of the human body and its main tissues are the femur, tibia,
fibula, articular cartilages, menisci, and ligaments. The tibio-
femoral joint enables the relative motion of the femur
and tibia, which is facilitated through mechanical contacts
between the cartilages and menisci [2]. In order to under-
stand common injuries and development of osteoarthritis
(OA), extensive experimental and computational studies have
been performed on this joint and its individual tissues.
Among the computational approaches, the Finite Element

Method (FEM) has been widely used to investigate the
biomechanics of the knee joint at the cell, tissue, and joint
levels.

The earliest application of FEM in biomechanics goes
back to 1972 [3], only over a decade after FEMwas introduced
as a powerful tool in structural analysis. Since then, FEM has
been used in different areas of bioengineering. In 1983, the
first review paper on the application of FEM in orthopedic
biomechanics was published by Huiskes and Chao [4]. In
1992, Clift reviewed the application of FEM in cartilage
biomechanics and investigation of OA [5]. Later, Goldsmith
and coauthors reviewed stress analysis of articular cartilage
under compressive loading in 1996 [6]. Single-phase and
biphasic analytical models of articular cartilage and their
FE simulations were discussed in their article along with
experimental studies. In a review by Hasler and coauthors,
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the experimentalmethods and theoreticalmodels of articular
cartilage were discussed, and the material properties for nor-
mal, pathologic, and repaired cartilageswere summarized [7].
Knecht and coauthors reviewed the studies on themechanical
properties of articular cartilage and provided reference data
for the cartilage properties in preosteoarthritis; the data
provided can be used in studies of cartilage degeneration and
diagnosis of osteoarthritis [8].

In the last decade, many reviews targeted the constitutive
modeling of individual tissues of the knee. Wilson and
coauthors reviewed the computational and analytical models
of articular cartilage proposed for the study of mechanical
behavior anddamagemechanisms.Themodels they reviewed
included swelling and chemical expansion [9]. Taylor and
Miller summarized the macroscopic and microstructural
constitutive models of cartilaginous tissues [10]. At the
macroscopic level, as in single-phase and biphasic models,
the bulk mechanical behavior of the cartilage was discussed
with no consideration of the microstructural components
of the tissue (such as collagen fibrils). The microstructural
models include the fibril-reinforced and swelling models,
as discussed in the review. van Donkelaar and Schulz [11]
discussed the patents for mechanical stimulation of cartilage
transplants and chondrocyte-loaded scaffolds using bioreac-
tors. Although the paper does not discuss the constitutive
modeling, it provides useful information for FE modeling
of tissue-engineered cartilages. Woo and coauthors reviewed
the mathematical models of ligament with special focus on
viscoelastic models. In particular, they compared the theory
of quasi-linear viscoelasticity (QLV) with the single integral
finite strain model [12]. Weiss and coauthors evaluated the
computational models of ligament in one-dimensional and
three-dimensional scales with focus on the relationship of
microstructures and the continuummechanical behavior [13,
14]. Beside the numerical aspects, the experimental studies
to obtain the material properties of ligaments were also
discussed in their work [13]. Provenzano and coauthors
reexamined the nonlinear viscoelastic models of ligaments
based on the existing experimental data and evaluated their
ability to predict the dependency on strain amplitude and
frequency [15].

Despite extensive analytical and computational studies
on the human knee joint, few review papers in this area
are available in the literature. Hefzy et al. reviewed the
analytical models of knee joint used to describe the knee
kinematics and kinetics [16] and later updated the review
[17]. Those analytical models use rigid body mechanics and
usually ignore the deformation of tissues, such as cartilage
andmenisci. Peña and coauthors reviewed the computational
models of human knee and temporomandibular joints with
major focus on the visco-/hyperelastic constitutive behav-
iors of soft tissues, including muscles, ligaments, tendons,
and articular cartilage as single-phase materials [18]. Elias
and Cosgarea reviewed different computational aspects of
the patellofemoral joint including modeling techniques, for
example, patient-specific modeling, and clinical applications
[19]. Mackerle published a bibliography spanning 1998–2005
in modeling and simulations in orthopedics. The bibliogra-
phy provides an extensive list of publications in different areas

of computational biomechanics including knee and hip joints
[20].

Theobjective of this paper is to provide a general reviewof
the computational models of the knee joint proposed for dif-
ferent biomedical/clinical applications. For brevity, the focus
of our paper will be on the FE models of the tibiofemoral
joints, with some examples of the patellofemoral joints. The
constitutive models for soft tissues of the knee are briefly
discussed. The geometry reconstruction procedures as well
as some issues in finite element modeling are also covered. A
comprehensive review of published joint models is presented
thereafter. Representative articles on different aspects of
the knee biomechanics, including general contact behaviors,
ACL and PCL reconstruction, meniscectomy, knee replace-
ment, and experimental validation, are reviewed. Finally, the
remaining challenges and possible future directions in this
area are discussed.

2. Constitutive Modeling of the Tissues

Several constitutive models have been developed to simulate
the mechanical response of individual tissues of the knee in
1D or 2D geometries.These models may provide stress-strain
relationships for 3D studies of the knee. We do not intend
to review the constitutive models of the tissues but provide
a brief summary of constitutive description to facilitate our
review on the computational studies of the knee joint.

Among all soft tissues of the knee, articular cartilage
has been of great interest due to significant impact of OA
on the quality of life. Cartilage is composed of a porous
matrix saturated with water. About 68%–85% of the weight
of cartilage is water [21]. The porous matrix is composed
of chondrocytes, collagen fibers (mainly type II), and neg-
atively charged proteoglycans. Collagen and proteoglycans
form about 50–70% and 30–35% of the matrix dry weight,
respectively. The fiber orientation in mature cartilage varies
with depth: parallel to the articular surface in the superficial
zone, random in the middle zone, and perpendicular to the
bone interface in the deep zone [7, 22].

In the past four decades, extensive studies have been
performed to understand the sophisticated behavior of artic-
ular cartilage and improve constitutive modeling. The early
constitutive models of articular cartilage were single-phase,
that is, only the solid phase of the tissue was considered
[23–28]. These models have limited capabilities in describing
the time-dependent response of cartilage, which is mainly
due to the interstitial fluid flow when the tissue is in
compression. Viscoelasticity was considered in some of these
models to describe the time-dependent response of cartilage
[24, 25, 27]. However, single-phase viscoelastic models do
not describe the fluid flow in the tissue. The effect of fluid
pressure on the tissue stiffness is included in the overall
Young’s modulus, often called the effective modulus, which
is naturally higher than that for the drained tissue [29, 30].
Obtaining the effective modulus is often challenging because
the pressure is time and strain-rate dependent [31–33].

Poroelastic and biphasic models that considered both
solid and fluid phases were the second generation of con-
stitutive models proposed to account for the effects of fluid
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pressurization.Theporoelasticmodels were based on the Biot
theory of soil consolidation [34, 35] and in biomechanics
were first used to simulate the skull and other bony structures
[36–38]. In 1980, the linear biphasic theory was proposed
for articular cartilage [39] and then further developed to
include variable permeability [40] and large deformation
[41, 42]. Although the field equations in the linear biphasic
theory are different from the poroelastic equations, it was
proved that both linear theories are equivalent for the case
of inviscid fluids [43]. However, some inconsistencies were
reported in correlating the material properties defined in
these two theories [44]. Both poroelastic and biphasicmodels
had limited capabilities in describing the short-term, time-
dependent response when the compressive strain-rate was
high. One of the reasons is because the fluid pressure was
relatively high as compared to the compressive stress in the
tissue matrix [45, 46]. Testing of articular cartilage showed
that the effective modulus at fast compression could be one
order ofmagnitude higher than that at slow compression [31].

The fibril-reinforced models were proposed to account
for high fluid pressurization in the tissue [47, 48] and may be
considered as the third generation of the constitutive models
for cartilage. In contrast to a nonfibril-reinforced poroelastic/
biphasic model, a fibril-reinforced model could reasonably
predict the stresses in the cartilage under fast compressions
[33]. The fibrillar nonlinearity was an important factor for
modeling high strain-rate compression of articular cartilage;
a linear fibril-reinforced model is not sufficient for the de-
scription of the load response of cartilage at fast compression.

The triphasic models were proposed to account for the
ion phase in the proteoglycan matrix as the third phase in
addition to fluid and solid phases [49]. The overall negative
charges of the proteoglycans contribute to cartilage swelling
and enhance the tissue stiffness [49, 50].The triphasic theory
was later extended to account for multielectrolytes and poly-
valent ions by Gu and coworkers [51]. Although triphasic
models provide more specific data about cartilage properties,
biphasic and fibril-reinforced models are still widely used in
the literature for cartilage modeling.

Ligaments restrain joint motion to stabilize the joint.
These tissues consist of a proteoglycan matrix reinforced by
collagen fibers (mainly type I) and elastin. Approximately,
60–70% of the ligament weight is water [13]. The collagen
bundles are mainly aligned in the longitudinal direction to
provide high stiffness for the ligaments.The elastin content is
normally about 1% of total ligament weight and provides the
elastic recovery of the tissue [52, 53].

Extensive computational models have been proposed for
ligaments and tendons. Since the ligaments mechanical re-
sponse is dominated by the collagen fibers, the majority
of proposed models focused on the collagen constitutive
behavior to predict the ligament response. Fung proposed a
one-dimensional constitutive model based on an exponential
stress-strain relationship accounting for nonlinear behavior
of ligament under finite deformations [54]. Hildebrandt and
coauthors later extended Fung’s model to biaxial and three-
dimensional cases [55]. Some other models were proposed
assuming strain rate independence and negligible hysteresis
effect; that is, the time-dependent response was neglected

and elasticity was assumed. In these one-dimensional stud-
ies, bundles of linear elastic elements were used to model
ligaments. To capture the nonlinear behavior of the tissue,
individual linear elastic fibers in a ligament were assumed
slack when the ligament was not externally loaded and were
recruited gradually in resisting increased tension [56–61].

Strain energy and hyperelasticity have been used in
studies of ligaments [62–68]. Lanir proposed a strain-energy-
based method to describe the three-dimensional behavior of
the ligament [62]. The matrix response was simplified as
hydrostatic pressure, and the majority of the total strain
energy was resulted from the stretch in collagen fibers. Weiss
and coauthors proposed hyperelastic continuum models of
ligaments based on the incompressibility assumption [64,
67]. In their modeling, collagen fibers, ground substance
matrix, and the fiber-matrix interaction contributed to the
tissue response. Incompressibility was enforced in their mod-
els based on the assumption that fluid is trapped in the tissue
during loading, and therefore no fluid exudation occurs.

Due to intrinsic viscoelasticity of collagen fibers and fluid
exudation from the solid matrix, the ligament response is
time-dependent.Many studies have considered the viscoelas-
ticity of ligaments using spring-dashpot modeling [57, 58,
69, 70], assuming fibers matrix and fiber-fiber friction [71]
or using continuummechanics approach [72–75]. Among all
proposed models, the quasi-linear viscoelastic theory (QLV)
developed by Fung [54, 72, 76] has been commonly used in
computational studies, probably because of its simplicity.The
fluid flow was incorporated in a few studies using theory of
poroelasticity [77, 78]. The fluid flow and its relevant tissue
response under uniaxial tensile, stress relaxation, and cyclic
loadings have been studied using these models.

Ligaments have been commonly modeled as spring ele-
ments in the 3Dmodels of the knee joint (Table 1). Nonlinear
material behavior (normally quadratic stress-strain relation-
ship) is often used for the toe region up to ∼6% tensile strain,
which is twice of the so-called nonlinear spring parameter
[79–81].The stress-strain relationship for strains greater than
6% is considered linear. The tensile stiffness of the spring
elements can be determined accordingly, provided that the
ligament geometry is known. The compressive stiffness is
taken to be zero, because the ligament does not support load
when it is slack. Some level of prestrain exists in ligaments
before the joint is subjected to external loads (ACL, MCL,
and LCL are in pretension and PCL in precompression)
[79, 82, 83], which are often incorporated into the material
model of the ligaments. In addition to spring elements, some
studies considered 3D representation of the ligaments in
which these tissues were modeled as hyperelastic [84, 85] or
fibril-reinforced poromechanical [86–88].

The menisci are of crescent-like shape and located be-
tween the femoral and tibial cartilages, attaching to the tibia
via ligamentous tissues called menisci horns [1]. The wedge-
shape cross section of the menisci provides the joint congru-
ency and minimizes the direct contact between the femoral
and tibial cartilages [89]. Menisci support and redistribute a
portion of the joint load, improve joint stability, and facilitate
lubrication [90–92]. Some studies also suggest the menisci
act as a shock absorber [91, 93, 94], while others do not
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support this hypothesis [95]. It is estimated that the menisci
are subjected to 45%–75% of the joint load, depending on
the knee loading and health state of the tissue [2]. The
major constituents of the meniscus are fluid, proteoglycan
matrix, and collagen fiber (mostly type I) [21]. Water is the
most abundant constituent and is about 60–70% of the
tissue weight [21]. Collagen fibers weigh about 15–25% and
proteoglycans in the range of 1-2% [21]. The fibers in the
menisci are mostly oriented in the circumferential direction
[96], which redistribute the load in terms of hoop stresses
[92, 97, 98].

The mechanical response of meniscus is time-dependent
due to fluid flow and intrinsic viscoelasticity of the collagen
fibers. However, in the early finite element models of the
menisci, these tissues were represented as axisymmetric with
single-phase linear elastic properties in contact with deform-
able bones [99]. In an improved axisymmetric model, non-
linear material behavior in circumferential direction was
considered [100]. Transversely isotropic behavior and axi-
symmetry were considered in some later FE models of the
menisci [101, 102]. In a parametric axisymmetric FE study,
isotropic, orthotropic fiber-reinforced, and poroelastic mod-
els were compared [103]. The fiber reinforcement was con-
cluded in this study to be an essential part of the menisci
modeling. Spilker and coauthors developed a biphasic model
of the menisci with transversely isotropic behavior for the
solid phase of the tissue. Linear biphasic theory was used
in their study [104]. Wilson and coauthors used the con-
solidation theory in ABAQUS for the biphasic modeling of
the menisci with axisymmetric representation. Transversely
isotropic properties were also used in their study [105].
Hyperelastic material properties have been quantified for the
menisci horns in a study by Abraham and coauthors [106]. In
3D models of the knee joint, menisci are generally modeled
as single-phase materials represented by spring elements [81,
107, 108], isotropic solid [84, 109], transversely isotropic solid
[110–112], or fiber-reinforcedmaterials [80, 113–116]. Recently,
fibril-reinforced poromechanical models of the menisci have
been incorporated in 3D modeling of the knee joint [87, 88].
Menisci horns are commonly modeled as spring elements
[112] or themenisci are fixed at the insertion sites [87]. Table 1
includes a full list of differentmaterialmodels for the different
tissues of the knee joint.

3. Computational Models of the Knee Joint

Knee joint models can be classified into analytical and
computational. Analytical models were used to describe the
knee kinematics and extract information about the joint
kinetics. The deformation of tissues except for ligaments
is normally ignored in these models and only rigid body
motions are studied.This methodology is often called inverse
dynamics (rigid-body dynamics) and can be referred as
analytical since onlyminor numerical work is involved for the
solutions (we refer to it as analytical in this paper, although
some numerical work is involved). Analytical models with
different degrees of accuracy have been published in the
literature. These models were used to describe the joint
motion and kinematics in 2D/3D and to predict the loads

in muscles, tendons, and ligaments [79, 107, 117–128]. In
some of these models (mostly 2D), simple contact algorithms
such as Hertz contact approach were used to describe the
tissue interactions [123, 129, 130]. Some analytical models
considered geometrical nonlinearities [120, 130] and often
included the inertial effects of bones [131, 132]. In some recent
studies, rigid-body musculoskeletal models were combined
with the FE approach to investigate the contact mechanics
of the knee and the role of menisci in the joint functioning
[133, 134].

Validation is a necessary step in the model develop-
ment. Established data may help researchers to validate
their kinematic and rigid body models. The Grand Knee
Challenge project provides a database where in vivo knee
data such as tibia contact force, muscle forces, and ground
reactions are available [135]. Although analytical models
offered robust approaches to determine knee kinematics, they
had limited capacities to describe the stress/strain patterns
of cartilages, menisci, and ligaments in 3D configurations.
Moreover, the nonlinear, anisotropic, and time-dependent
response of the soft tissues could not be captured using these
models. Furthermore, analytical models were not suitable for
the simulation of the highly nonlinear mechanical contact
between articulating surfaces undergoing large deformations.
A more comprehensive review of the analytical models can
be found in the reviews by Hefzy et al. [16, 17]. The present
review is focused on computational joint models.

3.1. Geometry and Mesh Generation of the Knee. The geom-
etry of the knee joint is normally reconstructed from a
stack of images obtained from Magnetic Resonance Imag-
ing (MRI), Computed Tomography (CT), or Micro-CT of
the joint. The MRI images are usually preferred for the
reconstruction of soft tissues, whereas CT images are more
accurate for hard tissues (bones). Image processing software
packages, such asMimics (Materialise, Leuven, Belgium) and
Simpleware (Exeter, UK), and geometric modeling packages,
such as Rhinoceros 3D (Seattle, WA, USA), can be used to
reconstruct the 3D geometry from 2D images. The essential
process in geometry reconstruction is to precisely select the
boundaries of the tissues from the images. This process is
called segmentation and can be performed automatically or
manually [14]. After the initial geometry is extracted from
the images, based on our experiences, some extra editing is
normally required to improve model accuracy and smooth
the surfaces. This is usually done by eliminating the artifacts,
such as redundant edges/vertices, small gaps, and sharp
edges, that may result in impossible meshing or unnecessary
dense meshing. If necessary, some software packages such as
Geomagic (Morrisville, NC, USA) can be used to improve the
quality of the surface geometry.

TheFEmesh can be generated using the built-in functions
of the image processing software. Alternatively, the meshing
process can be performed in FE programs, such as ABAQUS
(Simulia, Providence, USA), or in specialized meshing pro-
grams, such as HyperMesh (Altair, Troy, MI, USA). The
choice between meshing tools of an image processing soft-
ware and a third party meshing program is mainly based on
the required mesh type. The imaging software we have used,
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Stack of MRI (sagittal) Geometry reconstruction FE model

Figure 1: A schematic representation of geometry reconstruction fromMRI data and FE mesh generation.

such as Mimics, provides limited control over meshing. If
one needs pure hexahedral elements, for example, imaging
software may not be able to perform the meshing [14, 136]. If
no specific mesh type (e.g., tetrahedral versus hexahedral) is
required, it is more convenient to use the built-in meshing
tools of the image processing programs to generate an
automatic mesh. It normally yields triangular/tetrahedral
elements or a combination of tetrahedral and hexahedral
elements. Using this approach, the mesh information (nodal
coordinates and element numbers) can be normally exported
to an FE software to performfinite element analysis.However,
since the exported mesh (usually called orphan mesh) does
not include all geometric information of the reconstructed
knee, any major changes in the mesh, or mesh regeneration,
can be only performed in the image processing software.
Therefore, if a structured mesh (mapped mesh) of pure
hexahedral elements is required, or the unmeshed tissue
geometry (in addition to the FE mesh) is needed during
the FE simulations, the reconstructed geometry should be
exported into the FE software or a third-party meshing
program to generate themesh. Figure 1 illustrates a schematic
of knee geometry reconstruction and mesh generation from
MRI data.

3.2. Implementation of Tissue Models. Due to computational
costs and convergence difficulties associated with 3D mod-
eling, simpler constitutive laws have been commonly used
in whole joint simulations as compared to the studies on
the mechanics of a single tissue (see Section 2). For instance,
single-phase material model has been widely used for car-
tilages and menisci in knee joint modeling [80, 81, 108–
111, 113, 137]. Fluid pressurization has not been incorpo-
rated in 3D joint modeling until recently [86–88, 112, 138–
140]. In a majority of joint models, bones were considered
as rigid because of their higher stiffness compared to the
cartilaginous tissues. Articular cartilages were commonly
modeled as single-phase, linear elastic, homogenous, and
isotropicmaterials with constant stiffness [80, 81, 84, 113, 141].
Due to the high viscoelastic time constant of cartilage [28]
(∼1500 s), there is no time for fluid flow at the instant of

loading, and thus, the tissue may be considered as a single-
phase material with a large equivalent elastic modulus for
the short-term response. However, if the loading is not fast
or if the time-dependent response of the knee is sought,
the single-phase aclssumption is not satisfactory [32, 87].
Furthermore, a compressiblematerial modelmay not be used
to predict the instantaneous response of the tissue [32, 87].
Menisciwere commonly considered as linear elastic, isotropic
[84, 109, 142], transversely isotropic [110], or linear elastic
solid with fibril reinforcement [80, 113, 137]. Ligaments were
usually modeled by 1D spring/bar elements [80, 81, 110, 113,
137, 143], and in some cases, 3D and hyperelastic elements
[84, 109, 142]. Table 1 summaries different constitutivemodels
of knee tissues used in joint mechanical simulations.

3.3. Finite Element Model Developments. One of the first
FE models of the knee joint was proposed by Chand and
coauthors in 1976 [144]. The contact stress between femur
and tibia, in the absence of soft tissues, was investigated. A
2D model of the knee generated from X-rays of a live subject
was used in their simulations. The FE software NASTRAN
(MSC Software Corporation, Santa Ana, CA, USA) was used
to obtain the force-deformation relations, and a numerical
approach based on Wolfe’s algorithm was developed to
solve the nonlinear equations. Brown and coauthors used
a simplified axisymmetric model of articular cartilage and
subchondral bone to study juxta articular stress changes due
to localized subchondral stiffening [145]. Huber-Betzer and
coauthors developed a plane-strain FE model of the knee
including bones and cartilages using ABAQUS and FEAP
(University of California, Berkeley, USA) programs [146].
The model was used to study the contact stress distribution
associated with joint incongruity. The effects of joint surface
curvature, cartilage stiffness, and thickness were investigated
in their study.

Heegaard and coauthors developed a FE model of the
human patellofemoral joint including bones and articu-
lar cartilage and calculated the contact stresses and liga-
ment/tendon forces during passive knee flexion. The patella
geometry was reconstructed using CT images in the sagittal
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plane [152]. Besier and coauthors developed a 3D FEmodel of
the patellofemoral joint using MRI data. The model included
bones and cartilage and an estimate of muscle forces. The
stresses and strains in the cartilage were calculated and some
of the results such as contact area obtained from simulations
were comparedwith the experimental data [153].They further
examined the effect of internal-external knee rotation on
the mechanics of patellofemoral joint, using FE models
reconstructed from MRI of 8 male and 8 female subjects. It
was found that an external femoral rotation of 15∘ increased
patellar peak shear stress by 10% in more than 75% of the
subjects. The stress in cartilage was reported to change con-
siderably from subject to subject, which could have clinical
implications [154]. Farrokhi and coauthors predicted higher
hydrostatic and octahedral shear stress in the patellofemoral
joint for the subjects with patellofemoral pain, as compared to
the pain-free subjects, supporting stress-reducing treatment
strategies [155]. Fitzpatrick and coauthors compared FE and
rigid-body analyses of the patellofemoral joints of eight
subjects. Parameters of the rigid contact were based on
elastic foundation theory (e.g., [79]). The same geometric
properties, for example, cartilage thickness, were used in both
rigid-body and FE analyses. Obtained results indicated that
the rigid body analysis yields reasonable and yet efficient
solutions in terms of accuracy and computational time [156].

Bendjaballah and coauthors investigated the biomechan-
ics of the tibiofemoral joint using a 3D FE model of the knee
including soft and hard tissues undergoing large deforma-
tions. CT images were used to reconstruct the knee geometry.
An in-house nonlinear FE program was used to perform the
simulations. The contact stresses of the healthy and menis-
cectomy knee joints were studied under compressive loading
[80]. Further studies were performed on the knee contact
mechanics under drawer (anterior posterior) forces as well as
varus-valgus and internal-external rotations [114–116]. Périé
and Hobatho investigated the contact areas/pressures of the
knee joint in full extension using ABAQUS. It was found
that the predicted hydrostatic pressures were higher in the
medial compartment of the joint [157]. (Note: the hydrostatic
pressure here is not the pore fluid pressure. It is the average
of the three normal stress components).

Moglo and Shirazi-Adl studied the screw-home mech-
anism, which is the rotation between the tibia and femur
during knee passive extension/flexion: during knee flexion,
the tibia undergoes internal rotation, whereas during knee
extension tibia undergoes external rotation. They also inves-
tigated the coupling between the cruciate ligament forces
under flexion extension. It was found that ACL transection
and changes in initial strains in ACL affect the screw-home
mechanism. Moreover, a significant coupling was observed
between the ACL and PCL forces in knee flexion [158]. An
increase in the initial strains (or pre-tensions) in the ACL or
PCL resulted in an increase in the forces of both ligaments.
Similarly, when either the ACL or PCL was cut, the forces
in both ligaments were diminished. Mesfar and Shirazi-
Adl further considered both tibiofemoral and patellofemoral
joints. The knee response in flexion under quadriceps forces
was investigated in their study using anatomically accurate
models of the knee [159].

The effects of bone deformations and boundary con-
ditions on the contact mechanics of the knee were also
investigated. Frictionless finite sliding contact was assumed
between the articulating surfaces. It was found that rigid body
assumption for bones changed the contact stresses by less
than 2%, whereas fixing the rotational boundary conditions
other than flexion extension had significant impact on the
results [110]. Haut Donahue and coauthors also investigated
the impact of meniscal material properties on the predicted
contact stresses. They reported a considerable sensitivity
of contact pressures to the circumferential stiffness of the
menisci [97].

An explicit dynamic FE method was used to study gait
biomechanics of the knee [160]. The knee flexion up to 25
degrees was simulated in the study. An FEmodel of the lower
limb was developed to investigate the in vivo knee response
under impact loading. An explicit FE was employed with
consideration of large deformations [150].

Shirazi and coauthors implemented the depth-dependent
fiber reinforcement in articular cartilages in their knee joint
model. The role of collagen network was investigated in
their study under compressive forces. It was found that deep
vertical fibrils played an important role in the load support
mechanism of cartilage in situ [113]. In all the previously
mentioned studies, spring elements were used for ligaments.
Peña and coauthors developed a knee model including more
realistic geometries of all ligaments. Transversely isotropic,
hyperelastic properties were considered for ligaments, and
their roles in knee stability and load transmission were
investigated. Eight node hexahedral elements were used
to mesh the ligaments (Figure 2) [84]. Dhaher and coau-
thors investigated the effects of connective tissue material
uncertainties on the joint biomechanics. Probability density
functions with Gaussian distribution were used to alter the
material properties. Based on a multifactorial sensitivity
analysis, they reported a significant effect of ACL properties
on the knee biomechanics during knee flexion [85].

Some researchers predicted the mechanical response of
chondrocytes based on multiscale modeling of the knee joint
[161, 162]. Implementing a multiscale framework, Sibole and
Erdemir [161] determined the cellular microscale parameters
using the results of a macroscale FE model of the knee.
Deformation gradients computed at the joint-level were
used to prescribe the boundary conditions of two cell-level
models, which included one and eleven cells, respectively.The
multiscale modeling was believed to be capable of predicting
the cellular deformation metrics such as change in cell’s
aspect ratio and maximum shear strain resulting from the
joint loading [161].

3.4. Poromechanical Models. Although fluid flow and pres-
surization play an essential role in the mechanical functions
of articular cartilage and meniscus, it has not been con-
sidered in the anatomically accurate knee modeling until
recently [138]. In previous studies, only the elastic behavior
of the knee was investigated, including the static equilibrium
response as well as the instantaneous response of the joint
at which no fluid flow occurs. In most of the studies, a
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Figure 2: FE computed maximal principal stress (MPa) in ligaments: ACL (a), PCL (b), LCL (c), and MCL (d). The knee was subjected to a
compressive load of 1150N and a valgus compression of 10Nm (reproduced from [84] Elsevier license permission 3020920850913).

large effective modulus and a Poisson’s ratio close to half
were used to approximate the incompressible behavior of the
knee at instantaneous compression. However, only if the fluid
pressurization is implemented, the time-dependent response
of the knee, and in particular, stress relaxation and creep
phenomena may be predicted. For example, a prolonged
standing can be modeled as a creep problem.

Before fluid pressurization was implemented into any
anatomically accurate kneemodels, it had been considered in
geometrically simplified contact models. Ateshian and coau-
thors developed a finite sliding, frictionless contact algorithm
for porous media that could be used to simulate 3D cartilage
layers in contact [163].Wilson and coauthors used an axisym-
metric model of the cartilages and menisci for the study of
meniscectomy [105]. Adeeb and coauthors investigated the
effect of joint congruency on the load bearing mechanism
of the knee using axisymmetric cartilaginous tissue layers.
They concluded that the existing natural incongruence of the
joint had a significant impact on the stress and fluid pressure
distributions. Their study suggested an important role of the
meniscus in the load bearing mechanism of the knee joint
[164].

One of the first 3D computer models of the human joints
that included fluid flow was constructed with ABAQUS by
del Palomar and Doblaré for the investigation of the internal
derangement of the temporomandibular joint [140]. Gu and
Li developed the first anatomically accurate tibiofemoral
joint model accounting for fluid pressurization and fibril-
reinforcement in cartilages and menisci [138]. They also
considered the fiber orientations in the femoral cartilage
and menisci. Their results indicated a substantial role of
fluid pressurization in the mechanical functions of the knee.
In a further study, Li and Gu compared the instantaneous
response of the knee predicted by a fibril-reinforced model
with that obtained from a single-phase compressible elastic
model. Substantial differences were found between the two
models [32]. In particular, choosing a constant effective
modulus in the elastic model might not be satisfactory for
different magnitudes of compression.

Kazemi and coauthors investigated the creep behav-
ior of the intact and total meniscectomized knees under
compression (Figure 3). They reported substantially differ-
ent creep behaviors and contact mechanics of the healthy
and meniscectomized knees [87]. In a further study, they



Computational and Mathematical Methods in Medicine 9

0.602

0.475

0.348

0.222

0.095

− 0.032

Fluid pressure in femoral cartilage (MPa), meniscectomy

(a)

0.539

0.429

0.318

0.208

0.097

− 0.013

Fluid pressure in femoral cartilage (MPa), intact joint

(b)

0.7
0.6
0.5
0.4
0.3
0.2
0.1

0
0.1 1 10 100 1000 10000

Time (s)

Fl
ui

d 
pr

es
su

re
 (M

Pa
)

Peak value, intact
Peak value, meniscectomy

Typical point, intact
Typical point, meniscectomy

Fluid pressure in the deep layer of femoral cartilage

(c)

Figure 3: Fluid pressure in femoral cartilage of the meniscectomized (a) and intact (b) knees. The change in fluid pressure of the intact and
meniscectomized joints, with respect to time, is shown in (c) (reproduced from [87]; Elsevier license permission 2927920112090).

investigated the impact of the location and size of partial
meniscectomies on fluid pressurization of articular cartilage
under stress relaxation and creep loading. They observed
a significant increase in fluid pressure and its gradient as
well as substantial alterations in pressure distributions after
partial meniscectomy [86, 88]. Mononen and coauthors used
an axisymmetric, fibril-reinforced model of the cartilages
and menisci to study the impact of OA on the stresses in
the collagen network of cartilage. They predicted decreased
stresses in the superficial zone of cartilage with osteoarthritis.
They speculated that collagen fibrillation increased from the
superficial zone to the deep zone during progression of
osteoarthritis [139]. They also used a fibril-reinforced model
of cartilages in contact with single-phasemenisci to study the
effect of superficial collagen patterns with a 3D knee model.
They suggested a significant role of split-line patterns on the
strain and stress patterns but a minimal role on fluid and
contact pressures [112].

4. Verification of the Numerical Modeling

Verification examines the accurate implementation of the
mathematical equations, numerical procedures, and com-
puter codes. A verified computational model is an accurate
representation of the corresponding methodology. How-
ever, a successful thorough verification does not mean that

the computational model accurately mimics the physics of
the problem. Validation is to examine whether the model
reproduces the real-world problem and thus must be done
through measurement (see Section 5 for validation). For
general information about verification and validation pro-
cedures, the readers are referred to the guide for verifi-
cation and validation published by the American Society
of Mechanical Engineers [165] and other articles [166–169].
Some specific issues of model verification are presented
here.

The verification of anatomically accurate knee joint mod-
els includes a few aspects of the model construction, includ-
ing image segmentation, geometry reconstruction, finite ele-
ment meshing, initial and boundary conditions, contact def-
inition, and solution procedure. Most of the computational
knee models are constructed using commercial FE software
such as ABAQUS. The numerical procedure of commercial
software packages has been to some extent tested and verified
by the developing teams and independent researchers [14,
170–172]. While the solution procedure of the commercial
software packages is generally verified, especial attention is
required on other aspects of FE modeling such as meshing,
material parameters, and boundary conditions. Moreover, if
a custom code is used for the computational modeling and
solution, a comprehensive verification is required regarding
the numerical implementation and solution procedure.
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Figure 4: Variations in contact pressure, von Mises stress, and hydrostatic pressure with material properties (reproduced from [143]; ASME
permission 341–346; royalty paid 1074929380).

The sensitivity of FE model to the reconstruction proce-
dure was investigated by generating five knee models of the
same joint using the same set of MR images. Each model
was independently reconstructed by a different researcher
[143]. It was found that the deviations of cartilage thickness
in five models resulted in approximately 10 percent differ-
ence in peak contact pressure. The sensitivity of material
properties was also examined in the study. It was observed
that the results were more sensitive to Poisson’s ratio than
Young’s modulus. The von Mises stress decreased and the
hydrostatic pressure increased with increased Poison’s ratio
of cartilage (Figure 4). Large deformations were considered.
An optimization approach was developed to determine the
equivalent stiffness of the springs that were used to model
ligaments and menisci. Articular cartilage was considered as
a single-phase material [143].

Two knee models were reconstructed from the CT and
MR images of the same cadaveric knee joint using Analyze
II (Mayo Biodynamics Research Unit). They were com-
paredwithmeasurements obtained from implanted reference
markers using a 3D digitizer machine. Results showed com-
parable accuracy of the reconstructions from theMR and CT
images [173].

With a 3D FE model of the knee joint, Donahue and co-
authors examined the effect of rotation constraint and bone
rigidity. MSC/Patran (MacNeal-Schwendler Corp., Santa
Ana, CA, USA) and TrueGrid (XYZ Scientific Applications
Inc., Livermore, CA) were employed to reconstruct the geo-
metry using data from CT and 3D coordinate digitizing
system. ABAQUS was used for the FE analysis.The FEmodel
was verified against the mesh size using average element
sizes ranging from 5 by 5mm to 1 by 1mm. The average
element size of 2 by 2mm yielded a convergent result [110].
Hao and coauthors examined the sensitivity of their knee

model to mesh sizes of 3.0mm, 2.5mm, and 2.0mm. They
reported a maximum of 3% change in the contact pressure
when the mesh was refined from 2.5 to 2.0mm [160]. Peña
and coauthors investigated the convergence of their knee
model by double increasing the mesh density. They found
a maximum of 4% change in peak contact stresses with the
double-dense mesh compared to the original mesh [84].

It was found from a hip FE modeling that errors in
cartilage shear modulus, bulk modulus, and thickness had
higher influence on the peak pressures, as compared to the
average contact pressure and area (±25% compared to ±10%).
This study also indicated possible errors of the rigid bone
assumption for simulating certain activities, such as stair
descending. The labrum was not included in the modeling
[174].

5. Validation of the Numerical Modeling

The experimental validation of computational knee models
is challenging due to difficulties in measurements [175–
178]. For example, specialized Fujifilm and Tekscan pressure
sensors may be used to measure the contact pressure in
the joint (Figure 5). However, the insertion of the film or
sensor somehow alters the contact in the joint due to the
thickness and stiffness of the film or sensor. Therefore,
the data measured are more or less compromised. It is
worth mentioning that a complete validation of a compu-
tational model requires multiple data at different levels. For
instance, one may validate the global kinematics/kinetics,
such as femoral displacement/forces, against experimental
data.However, this does not necessarilymean that the stresses
and strains can be accurately predicted by the model. A more
reliable method is a simultaneous validation of the stresses
and joint force, for example. We herein first summarize
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Figure 5: Contact pressures at the tibia plateau measured by Tekscan K-scan sensor (a) and computed by finite element analysis (b)
(reproduced from [147] Elsevier license permission 3020921021572).

some experimental techniques that may be or have been
used to validate the numerical models and then review some
experimental validations of joint modeling. Note that some
validations are presented in other sections when the relevant
models are reviewed.

The casting method has been used to measure contact
areas in the joint.Thismethod is based on the formed pattern
of a material such as silicone rubber or polymethylmethacry-
late cast around the joint contact. Based on this method,
Walker and Hajek determined contact areas and locations
of cadaver knee joints under a force applied along tibia, for
different flexion angles, and found larger contact areas in the
medial condyle. Contact areas were decreased as the knee
flexion angle increased [179]. Fukubayashi and Kurosawa
added Prescale sensors (Fuji Film Co., Ltd., Tokyo) to the
casting method to measure the contact pressure and area
of the tibiofemoral joint in full extension. They found that
the removal of the menisci from a healthy knee considerably
increased the contact pressure and decreased the contact
area in the joint. In contrast, the removal of menisci from a
osteoarthritic knee had less impact on the change of contact
pressure and area [180]. Further experiments showed the
average contact stress to increase by 2-3 times when the
menisci were removed [91].

The contact locations in cadaver knees during high flex-
ion were mapped based on the fiducial points on each bone
recorded for the position, by the use of reconstructed bone
geometries [181]. Rhinoceros and Rapidform (Inus Technol-
ogy Inc., Seoul, Republic of Korea) software packages were
used to reconstruct the geometry of each bone from digitized
surface data. The contact areas for a given knee flexion were
derived from the bone surface geometries and the bone
positions corresponding to that knee flexion [181].

Brown and Shaw measured the contact stress in cadav-
eric knee joints at different flexion angles using arrays of

piezoresistive transducers.They studied healthy knees as well
as medial and dual meniscectomy cases. Results showed that
in normal knees the medial femoral condyle supports higher
load compared to the lateral condyle, but after removal of
the medial meniscus the load was transferred slightly to the
lateral condyle. It was found that in the flexion range of 0 to 30
degrees, the size of contact area and the magnitude of contact
stresses were not changed significantly although the contact
location changed during the flexion. Furthermore, compared
to previous experimental studies, they suggested a moderate
decrease in contact areas and increase in contact pressures
following meniscectomy [182].

There is an increasing trend to use imaging technology
to determine tissue deformation under external loading.
Herberhold and coauthors measured the deformation of
femoropatellar articular cartilage from cadaver specimens
using MRI [183]. Segmentation, reconstruction, and image
analyses were performed using an in-house code. Fluid flux
and deformations of femoral and patellar cartilages under
150% of body weight were obtained [183]. Liu and coauthors
used MRI with fluoroscopic system and Rhinoceros imaging
software to determine the knee kinematics during stance
phase of gait. They reported higher contact deformation in
the thicker regions of cartilage and larger contact area in the
medial compartment than the lateral compartment [184]. Li
and coauthors measured contact locations in the knee joint
for different knee flexion angles using fluoroscopic and MR
images [185].

Numerical models have been validated against measure-
ments to some extent. The in situ ligament forces and knee
kinematics obtained from FEM were compared with the
published experimental data [81]. MRIs from the sagittal
plane were used to reconstruct the joint geometry. In this
study, the femoral cartilage was assumed rigid and the tibial
cartilage was deformable. The ligaments and meniscus were
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represented by equivalent spring elements [81]. In another
study, a 2D FE model was constructed for a sagittal plane of
a rabbit knee [186].The tibia force predicted by the FE model
was matched with the measured force. The study showed
that advancement of calcified cartilage resulted in thinning
of noncalcified cartilage and increased shear strains within
its deepest layer. Small deformation was considered with
absence of menisci [186].

In order to validate a FE hip joint model for walking, stair
ascending and descending, Anderson and coauthors mea-
sured contact pressures and areas using pressure-sensitive
films [174]. CT images were processed using Amira (Mercury
Computer Systems, Boston, MA, USA). TrueGrid was used
formesh generation, andNIKE3D (Livermore, CA,USA)was
used for the finite element analysis. Cortical and trabecular
bones were assumed as hypoelastic and isotropic. A custom
code, BONEMAT [187], was used to calculate the elastic
modulus of bones from measured data. The FE results were
found to agree with the experimental measurements [174].
Similar validation procedure may be performed on the knee
joint modeling.

A 3D analytical model was used to simulate knee kine-
matics, where the menisci were not included. An elastic
cartilage-cartilage contact was compared to a rigid femur-
tibia contact [121]. The model was also validated against the
laxity characteristics data from the literature. The kinematic
data of knee specimens were used as the objective of an
optimization procedure, and the ligament initial strains were
altered to achieve the optimization, using a least-square solver
[188].

Yao and coauthors used MRI to validate a FE model of
the medial compartment of an ACL-deficient knee subjected
to anterior forces.Thedifferences between FEpredictions and
data from imaging were noticeable for changes in curvature
and distortions within anterior and posterior areas of the
meniscus [189]. In a further study, they used the finite element
model of the medial compartment of the ACL-deficient knee
joint to reproduce experimental deformation and motion of
the meniscus by optimization of the mechanical properties
of cartilage, meniscus, and the attachments of meniscus.
This study illustrated the importance of mechanical prop-
erties of meniscal attachments, such as the initial strains
and elastic modulus of the horns, to predict the meniscal
translation and deformation [30].This is an example of using
imaging technology to validate the modeling at the strain
level.

6. Pathomechanical Modeling and
Clinical Applications

A few of the previously mentioned studies considered some
aspects of knee injuries [80, 86–88, 146, 158]. In fact, many FE
models were developed to investigate the impacts of injuries
and surgical treatments on joint mechanical functioning. In
this section, we review some examples of computer knee
models that were intended for clinical applications, such as
studies on ligament injury and reconstruction, meniscec-
tomy, cartilage injury, and knee replacement.

6.1. Ligament Injury and Reconstruction. Li and coauthors
studied the effects of ACL injury on joint function under
simulated muscle loads [190]. They modeled a partial ACL
injury by reducing its stiffness. It was found that even with
75% reduction in the ACL stiffness, the tissue could still
support about 58%of the load carried by the intact ACL [190].
Moglo and Shirazi-Adl investigated the load transmission
in ACL-deficient joints under drawer (anterior posterior)
loading. They reported a primary resistance to the drawer
load for ACL in the range of 0–90 degrees of knee flexion
angels [191]. Suggs and coauthors studied the effects of graft
stiffness and its initial strains on ACL-reconstructed knee
joints. Three different grafts with stiffness close to that of
actual ACLwere used in their study [108]. Peña and coauthors
also studied the effect of graft stiffness and tensioning in ACL
reconstruction [192].They implemented a hyperelasticmodel
of the ligaments instead of using nonlinear springs but did
not consider cartilages and menisci in their modeling. Three
different grafts, gracilis, patellar tendon, and quadrupled
semitendinosus were considered in the simulations [192].

Ramaniraka and coauthors studied the effects of PCL
reconstruction on knee biomechanics. Ligaments were con-
sidered as hyperelastic. The healthy knee response was com-
pared to that of three repaired knees: resected PCL, recon-
structed single graft PCL, and reconstructed double graft
PCL. The single graft reconstruction yielded better results
compared to the other two cases [193]. In a further study,
they evaluated the intra-articular and extra-articular proce-
dures for ACL reconstruction using a knee model without
cartilages and menisci [194]. Shirazi and Shirazi-Adl studied
the effects of ACL reconstruction and partial meniscectomy
under combined compression and drawer loads. They used a
fibril-reinforced model for cartilages and menisci and spring
elements for the ligaments. It was found that compressive
preloads increased the ACL reaction forces in drawer loading
(Figure 6). Moreover, partial meniscectomy combined with
a slack ACL significantly changed the cartilage contact
pressures [148].

6.2. Total and Partial Meniscectomy. Several FE studies have
been performed to investigate the biomechanics of partial
and total meniscectomy. Bendjaballah and coauthors studied
the knee mechanics after total meniscectomy using a single-
phase material model [80]. Kazemi and coauthors further
considered the fluid pressurization in the cartilaginous tissues
[87]. The impact of partial meniscectomy on fluid pressur-
ization in cartilage was also investigated [88]. The model
predicted significant increases in fluid pressure following
partial meniscectomy. Peña and coauthors investigated the
contact mechanics of meniscectomized knee joints and pre-
dicted almost double maximal shear stresses as compared
to a healthy knee. They also suggested that a lateral menis-
cectomy was more risky than a medial meniscectomy [109,
142, 195]. Zielinska and Haut Donahue reported significant
increases in contact pressures after meniscectomy using a
linear elastic material model for cartilages and menisci [141].
Yang and coauthors studied the case of partial meniscectomy
combined with frontal plane knee alignment. Increased
contact stresses, with the highest increase in the lateral
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meniscectomy, was reported in their investigation. Cartilages
were assumed as isotropic, and menisci were considered
transversely isotropic in the study [111].Wilson and coauthors
developed an axisymmetric, poroelastic model of the knee
to study potential cartilage damage after meniscectomy.They
found that the maximum stresses and stress distribution in
cartilagewere altered aftermeniscectomy [105]. Netravali and
coauthors studied the effect of partial meniscectomy on the
meniscus strains during gait. They found that the increase
in the abduction moment escalated the strains in the medial
meniscal horns. Moreover, they suggested that the change
in the external rotation after partial medial meniscectomy
might not increase the chance of further medial meniscal
degeneration [196].

6.3. Cartilage Injury and Degeneration, Osteoarthritis Models.
The onset and progression of osteoarthritis (OA) are related
to the mechanical environment of the tissue [197]. 3D
models of the knee joint have potentially provided useful
tools whereby the mechanics of cartilage degeneration can
be better understood. Papaioannou and coauthors modeled
focal surface injury of articular cartilage using a patient-
specific FE model loaded at 30 degrees of knee flexion. They
studied the size effects of osteochondral defect on contact
pressures and reported a defect size of 10mm as a threshold
for clinical considerations of focal articular surface injury
repair [136]. Shirazi and Shirazi-Adl investigated the effect
of osteochondral defects on cartilage mechanical response
[198]. In their model, depth-dependent properties of carti-
lage and fibers were considered, and the calcified cartilage
was assumed as linear elastic and isotropic. Four different
cases were considered: localized bone damage, cartilage-bone
interface damage, bone overgrowth, and absence of collagen
fibers in the deep zone. Significant change in joint contact

mechanics was reported specially in the case of bone damage
combined with cartilage split (which resulted in the absence
of deep collagen fibers). Moreover, the results for cartilage-
bone interface damage indicated increased chance of OA
onset and progression [198]. A subject-specific study on the
size effect of cartilage defect indicated a size threshold of
1.0 cm2 at which considerable change in cartilage stresses
would occur around the defect rim [199].

Peña and coauthors examined the effect of cartilage
defects on stress concentration [200]. A hyperelastic trans-
versely isotropic model was used for ligaments. The strain
energy density function consisted of three parts: one repre-
sented the quasi-incompressibility of the tissue, one pertained
to fibers in tension, and the third pertained to the matrix,
which was assumed as Neo-Hookean. They reported that
large cartilage defects produced high stress concentrations
as compared to small defects [200]. Mononen and coauthors
considered healthy, osteoarthritic, and repaired cartilages and
developed a 2D knee joint model [139]. Different material
models were compared for cartilage: isotropic poroelastic,
transversely isotropic proelastic, and fiber-reinforced poro-
viscoelastic (FRPVE). In the FRPVE, the fiber direction and
fluid content fraction were depth dependent, and a Neo-
Hookean hyperelastic model was used for the nonfibrillar
matrix. Their results demonstrated the important role of
collagen fibers in controlling stress and strain distribution
within cartilaginous tissues, which may be used in the design
of artificial cartilages [139]. Later, they developed a 3D knee
model in ABAQUS with four different split-line patterns for
the cartilage. A random function in MATLAB (The Math
Works Inc., Natick, MA, USA) was used for the model
with random fibril orientations. The MRI reconstruction
was performed using Mimics and SolidWorks. They con-
cluded that a local cartilage degeneration in the medial
femoral condyle could lead to alternation in mechanical
response and a potential degeneration in the lateral condyle
[112].

6.4. Knee Replacement. Themechanical performance of knee
prostheses has been extensively investigated computationally.
Godest and coauthors studied the kinematics and stress
distribution of a total knee replacement (TKR) during a
gait cycle using explicit FE code PAM-SAFE (Engineering
Systems International Group, Rungis, France), which was
reported to be computationally of low cost [201]. The gait
cycle was simulated using a knee simulator composed of
four springs. The femoral component of the prosthesis was
assumed as rigid, and the insert was considered as an elastic-
plastic material. The obtained kinematic results were in
agreement with experimental data and were found to be
insensitive to model parameters. The major sources of errors
were reported from neglecting the mass of fixtures in the
simulator, approximation of friction coefficient, and set-up
errors such as relative position of the femoral component and
the tibial insert [201]. Villa and coauthors studied the failure
of a knee prosthesis during gait cycles, as well as fatigue [149].
They used Fuji Prescale films to determine contact areas and
pressures. A standard ISO testwith a small number of samples
was used to validate the results for fatigue failure analysis.The
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Figure 7: Experimental failure in the tibial tray of a knee implant due to fatigue loading (a) and von Mises stress from FE analysis (b)
(reproduced from [149]; Elsevier license permission 2927920497991).

obtained FE results were in agreement with the experimental
measurements (Figure 7).

Danĕk and coauthors used FE modeling to determine
contact in TKR based on geometries obtained from X-rays.
According to the results, the outward condyles of the knee
experienced higher pressure [202]. Sharma and coauthors
computed the femoro-polyethylene contact pressure in total
knee arthroplasty (TKA) using fluoroscopic images, CT
scans, and Mechanical Desktop (Autodesk Inc, San Rafael,
CA, USA). The contact pressures were calculated using
forces obtained from kinematic modeling and contact areas
obtained from computer-aided design of implants [203]. As
a comparison, results were obtained for fixed bearing and
mobile bearing TKAs. In both cases, the medial condyle
experienced higher contact pressure. Furthermore, the con-
tact pressure increased with knee flexion. The average lateral
contact pressures for both TKAs were similar. However,
the mobile bearing TKA experienced lower medial contact
pressure compared to the fixed bearing TKA [203].

Au and coauthors examined the effects of material para-
meters and load conditions on stress distribution within
the TKR [204]. They applied contact pressures on the tibia
condyle using data from the literature and included ACL,
PCL and MCL forces in the FE simulations that were per-
formed using Pro/ENGINEER (PTC, Needham, MA, USA)
and ANSYS. They suggested that in the design process of
TKR, attention should be given to both material properties
and loading conditions [204]. Bougherara and coauthors
used ANSYS Workbench to analyze a TK implant made
from CF/PA-12. Results showed that CF/PA-12 led to an
improved load transfer mechanism and therefore reduced
stress shielding, as compared to stainless steel [205].

Baldwin and coauthor validated a 3D dynamic model of
the TKR against experimental data from a knee simulator.
They used SCANIP (Simpleware, Exeter, UK) forMRI recon-
struction, Isight (Simulia, Providence, RI, USA) for strain and
stiffness optimization of ligaments, andABAQUS/Explicit for
FE simulations. In the modeling, ligaments were represented

as 2D fiber-reinforced structures, and their mechanical prop-
erties were based on optimizations of laxity tests. FE results
were reported to be in general agreement with experimental
measurements [206].

A patient-specific implant design was proposed for uni-
compartmental knee replacement based on a neural network
algorithm called Self-Organizing Map (SOM). The mechan-
ical performance of this design was compared with con-
ventional implant designs using MD Patran (MSC Software
Corp., USA). Mimics, 3-Matic, and MATLAB software were
used to reconstruct the 3D geometry of the samples from CT,
MRI, and 3D laser scanner data.The femoral component was
assumed as isotropic linear elastic, and the material proper-
ties of polyethylene bearings were modeled as nonlinear. A
contact model based on the Hertz theory was used to validate
the FE results. It was reported that the new mobile-bearing
implant resulted in lower contact stresses in the tibiofemoral
joint compared to the fixed-bearing implants. Moreover,
lower stresses at the bone-implant interface were observed
compared to other conventional implants [207]. A mobile
bearing TKR was experimentally tested and numerically
modeled using Patran and ABAQUS [208]. The polyethylene
was considered as a nonlinear material for which the tangent
elastic modulus was a fourth-order function of von Mises
stress. Assessment on the effect of load conditions and
flexion angle on the performance of the TKR demonstrated
appropriate functioning under practical conditions. Large
frictional loads at the mobile interface were reported as a
major restriction on the TKR rotation [208].

6.5. Sports and Gait Modeling. The computational studies of
the knee joint have mostly involved static loading conditions
such as compressive forces and torques.More realistic loading
conditions were indeed incorporated in some studies to
simulate daily life activities.

Penrose and coauthors constructed a 3D FE knee joint
model to investigate the mechanics of the knee during stair
descending, frontal car crash, and pedestrian impact. The
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Figure 8: Finite element model of the knee joint included in the simulation of lower extremity. Three time points from the left to right are
impact (𝑡 = 0), 10∘ of flexion (𝑡 = 0.02 s), and 30∘ of flexion (𝑡 = 0.074 s) (reproduced from [150]; Elsevier license permission 2927920646901).

model was suggested to be used for the design of prostheses
and better understanding of biomechanics of injuries and
locomotion [137]. A 3D leg model was built with the FE code
RADIOSS (Mécalog SA, Antony, France) considering the
entire lower extremity, including femur, tibia, major muscles,
foot, and ankle complex (Figure 8). The kinematics and
kinetics data were extracted from a gait analysis on a subject
hopping on one leg. The measured forces and displacements
were applied to the FE model of the knee as the boundary
conditions. An elastic-plastic material law was used for
cancellous and compact bones. Viscoelastic properties and
synovial fluid were not modeled [150].

ANSYS and LS-DYNA were used to develop an FE
contact model of the knee joint in heel strike, single limb
stance, and toe-off phases of a gait cycle. Results showed that
the medial compartment experienced higher contact areas
in comparison to its lateral counterpart. On the other hand,
the lateral meniscus experienced steadier contact pressure
compared to high variations in peak contact pressure in the
medial meniscus. Furthermore, the peak contact pressure in
the joint occurred at almost 45% of the gait cycle [209]. Yang
and coauthors developed a 3D model of the knee joint with
ABAQUS to investigate the effect of abnormal joint alignment
and meniscectomy, during single stance phase of gait (see
also Section 6.2, [111]). Ligaments were modeled as linear or
nonlinear springs, and muscle forces were obtained using a
muscle reduction method. These studies demonstrated the
importance of using realistic loading to determine the knee
joint mechanics [151, 210, 211]. For instance, while a simple
compressive load to the joint produced almost equal contact
forces in the medial and lateral compartments, a combined
varus moment and compression (that occurs during gait)
resulted in a much higher force in the medial compartment.

Furthermore, as compared with a normal subject, a subject
with varus alignment was more vulnerable to medial com-
partment OA, and a subject with valgus alignment was more
vulnerable to lateral compartment OA (Figure 9). However,
only a few subjects were used to obtain these results. The
muscle forces used for the model input were not subject
specific [151, 210, 211].

7. Miscellaneous Joint Models

While the focus of our paper is on the knee joint, some
FE models of other human joints are briefly discussed here.
This is because many features and principles are common in
the computational modeling of different human joints. Some
methodologies developed in other joint modeling may be
applicable to the knee joint modeling and vice versa.

A generic model of distal femur was produced from
five cadaver knees, by reconstructing their CT images using
AutoCAD (AutoDesk, Sausalito, CA, USA). The solid model
was then prototyped using a MasterCAM’s system (CNC
Software, Tolland, CT, USA) controlled three-axis milling
machine. Prosthesis design was mentioned as one of the
potential applications of the generic geometry [212]. Fergu-
son and coauthors studied biomechanics of the acetabular
labrum considering consolidation of cartilage [213]. A 2D
plane strain model was reconstructed for the coronal plane
of hip using MRI. Cartilage and labrum were considered as
isotropic poroelastic materials. Results indicated important
roles of the acetabular labrum in the mechanical function of
the hip joint, for example, it improved the contact and stabil-
ity of the joint [213]. Büchler and coauthors generated shoul-
der FE models of normal and osteoarthritic cadaveric joints
[214]. For the osteoarthritic model, articular cartilage was
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Figure 9: FE computed stresses for subjects with knee varus (1), normal subject (2), and with valgus (3) (reproduced from [151]; John Wiley
and Sons license permission 2927360959287).

assumed to be absent from the glenohumeral contact region.
The humerus was modeled as rigid, and the scapula was
considered as linear elastic but nonhomogeneous depending
on the bone density. A custom-made software was used
to determine the bone density from CT data. The muscles
were considered as incompressible hyperelastic. The results
indicated the importance of joint geometry on its contact
mechanics [214]. Wawro and Fathi-Torbaghan developed an
object-oriented FE program to study the motions of the knee
joint. Femur, tibia, ligaments, and articular cartilage were
modeled as elastic solids. The authors presented the frame-
work of their long-term goal to develop a computer model
of the knee joint based on object-oriented programming
[215]. Han and coauthors used TrueGrid to generate a feline
model of patellofemoral joint from laser scanning. Articu-
lar cartilage was considered as biphasic with deformation-
dependent permeability. The geometric nonlinear option in
ABAQUSwas chosen for the FE analysis.They concluded that
a small misalignment between patella and femur could lead
to substantial changes in contact mechanics [216].

8. Discussion: Advances, Challenges, and
Future Directions

A general review of the computational studies of the knee
joint mechanics has been presented herein. Finite element
methods have been generally accepted for the determination
of the mechanical response of the knee in different loading
and pathological conditions. The extensive applications of
FE analyses have benefited and will continue to benefit
from increased computational power.However, the computer
power never seems to be sufficient for real-time simulation
of the load response of a knee joint. Improved numerical
procedures or brand-new techniques are still necessary for
better and faster contact solutions. On the other hand, it will
remain challenging to verify and validate a knee joint model.
A few aspects of the computational joint mechanics will be
discussed later.

8.1. Anatomically Accurate Geometry. Constructing an accu-
rate geometry for the knee is an essential step for a successful

modeling. Major progresses have been made in the geometry
modeling. In the early studies, the knee joint was simply
modeled with two pieces of articular cartilage, either axisym-
metrical or plane-stress/strain. Meniscus was considered
in some of these two dimensional models, for example,
assuming one axisymmetric meniscus [164].The actual knee,
of course, is three dimensional with multiple gliding surfaces
and interfaces. Patient-specific modeling presents realistic
joint contact; however, it increases numerical difficulties and
computational time by a few levels. Therefore, certain sim-
plifications are often necessary in the anatomically accurate
or patient-specific modeling. For example, in one of the
pioneering studies, the femoral cartilagewasmodeled as rigid
and menisci were modeled as springs [81].

Accurate segmentation is still challenging. First, even
with 3T MRIs, some tissue boundaries, for example, part of
meniscus, are still difficult to identify froma computer screen.
Secondly, even with advanced image processing software
such as Mimics, enormous manual input is still needed.
Thirdly, it often requires surface refinement before the geom-
etry can be meshed with finite elements. We found limited
tools and controls over the surface refinement. Artifacts and
errors are difficult to determine with the currently available
software.

A good finite element mesh should preserve the recon-
structed surface geometry, which is assumed to represent
the original tissue geometry. This is particularly difficult
for the meniscus meshing due to large thickness variation.
Inaccurate surface approximation with element meshing
will alter the contact in the joint and cause convergence
difficulties. Future meshing software should provide better
control and estimation of the surface errors produced during
meshing.

8.2. Use of Constitutive Models. Elastic models with com-
pressible material properties were generally used for the car-
tilaginous tissues in the early patient-specific joint modeling.
A Poisson’s ratio close to half was used to approximate the
incompressibility of the tissue at instantaneous compression.
An effective Young’s modulus, which was at least one order
higher than the actual modulus obtained at equilibrium,
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must be used in order to match the predicted force with
the measurement at fast knee compression. Although this
effectivemodulusmethodmight be used to determine certain
stresses, it was not recommended for the deformation [32].
The incompressibility can never be approachedwithin a com-
pressible material model, not to mention the uncertainties
encountered in determining the effectivemodulus. If only the
solid phase is to be considered, an incompressible material
model should be employed, as was done in a recent study
[148].

Another major progress in the course of model develop-
mentwas to incorporate the collagen fiber orientations in car-
tilage and menisci in the 3D model [198]. Since these tissues
are anisotropic, it is important to determine the directions of
the stresses and strains using the fiber orientation as a frame
of reference: a smaller tensile stress in the direction perpen-
dicular to the fibers may bemore risky to tissue integrity than
a larger tensile stress in the fiber direction. The von Mises
stress is not a useful measure in the mechanics of anisotropic
materials, because it does not discriminate the stress direc-
tions. In spite of this, use of the vonMises stress is still justified
in the case of isotropic material modeling, when simplicity is
desired.

It is certainly challenging to incorporate fluid pressur-
ization in the cartilaginous tissues into the 3D modeling.
It is worth our efforts to work on it though. The fluid
pressurization clearly plays important roles in themechanical
functioning of the joint. We may not understand OA onset
and progression if the fluid mechanism in the tissues is
overlooked. Nonlinear fibril reinforcement, however, must
be incorporated in the material model in the meantime or
the fluid pressure predicted for fast compression will be one
order too low in magnitude. This is because the interplay
of fibril reinforcement and fluid pressurization determines
the load response of the tissue [33]. A material model that
considers the fluid phase but no fibril reinforcement has
been proven unable to describe great fluid pressurization in
articular cartilage [45–48]. If fibril reinforcement were not
modeled, the effective modulus method would have to be
used in conjunction with the inclusion of fluid pressure, in
order to match the load response measured for fast knee
compression. The load response predicted for subsequent
equilibrium state, however, did not match the measurement
because the modulus used was greater than the actual
modulus. In other words, such a model would not be able
to predict both short-term and long-term load responses.
This can be easily understood using creep as an example.
When the body force is quickly applied to the knee, a great
fluid pressure will be produced in articular cartilage, which
cannot be described by a model with no fibril reinforcement.
Using a large effective modulus in the FEA, however, one
can still match the small short-term displacement associ-
ated with great fluid pressure. The displacement will later
increase substantially when fluid pressure essentially disap-
pears at equilibrium. This displacement obviously can only
be described by the actual modulus, which is obtained by
tissue testing at equilibrium. The use of effective modulus
will predict a smaller displacement than the one observed at
equilibrium.

The computation of fluid pressurization in the joint is
extremely time consuming. One simulation often takes days
even weeks of computer time. An obvious reason is the
necessity to calculate the results for hundreds or thousands
of time increments, because every unknown is a function
of time. The main obstacle, however, is the convergence dif-
ficulties associatedwith the contact problemof porousmedia,
which is even worse with the multiple contacts in the knee
joint. As the menisci are in double contacts with cartilages—
sandwiched by the femoral and tibial cartilages, the contact
convergence is particularly slow. Wilson and coauthors used
a thin flexible membrane between the menisci and cartilage
surfaces to avoid numerical difficulties in an axisymmetric
model of the knee. Mononen and coauthors considered the
fluid flow in cartilages in a 3D model of the knee undergoing
large deformation, with the menisci modeled as a single-
phase transversely isotropic material [112]. In our research
group,we initially examined the 3Dkneemodelingwith small
deformation problems following the implementation of the
fluid flow and collagen orientation in cartilages and menisci
[86–88, 138, 217].

The accuracy of constitutive models is ultimately deter-
mined by the material properties of the tissue. Several
studies have indicated the importance of reliable material
properties in the modeling and the sensitivity of results to
the properties [7, 23, 30, 32, 65, 67, 85, 204]. Clearly, it is still
challenging to adequately measure and quantify the material
properties. For instance, the inhomogeneous, anisotropic,
and time-dependent nature of articular cartilages, menisci,
and ligaments requires several material parameters at the
joint, tissue, and cell levels.These aspects must be considered
in order to establish computational modeling as a robust tool
for predicting the load response of the knee joint.

8.3. Physiological Loadings and Contact Conditions. No
mathematical modeling is possible without simplifications
associated with assumptions, even with future advances
in computational hardware, software, and numerical tech-
niques. A few common simplifications are often made in the
3D knee joint modeling, such as the use of static compressive
loadings, passive muscle forces only, or omission of muscles
and tendons. In addition to the simplifications associated
with the geometry and constitutive laws discussed previously,
another major simplification is the consideration of one
contact state corresponding to a single stance of a gait cycle,
other than a dynamic contact in which the contact region
moves with knee flexion. Current gait modeling is typically
limited to the kinematics of the knee or the total forces and
moments in the joint withoutmuch concerns over the contact
and fluid pressures in the joint.

For a quasistatic problem, where the fluid pressurization
is considered but the inertia is neglected, the pressure
gradients in the tissues will critically influence the rate of
convergence [87]. A fast loading will result in slow numerical
convergence. Even with the simplest knee compression in
the femoral tibial direction with no rotation or flexion, a
compression applied within a realistic time, which is nor-
mally less than one second, will cause very slow convergence
[87, 88]. In a dynamic contact, for example, with knee flexion
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as a function of time, part of the surfaces that are currently in
contact may separate milliseconds later. This will change the
boundary conditions of fluid pressure, since a zero pressure
condition must be imposed on the free articulating surface,
which is not in contact with themating surface. Such changes
may also slow down the numerical convergence, not to
mention the technical difficulties in applying the free surface
boundary conditions using a numerical procedure.

There are at least two major causes with the slow compu-
tation of the fluid pressure modeling in the patient-specific
knee joint. First, the response as a function of time requires
hundreds and thousands of time increments in the time
discretization, while no time variable is involved in a static
analysis with an elastic modeling. Second, when ABAQUS
(version 6.10 or older) is used, the contact convergence with
20-node hexahedral elements is very slow, which is indicated
in the manual. However, this type of elements is needed for
better pressure distribution. We are not sure whether the
same problem exists with other commercial FE packages.

The numerical convergence for a problem of walking can
be incredibly challenging, if fluid and contact pressures are
to be determined. A typical remedy is still to avoid modeling
fluid pressure and adopt an incompressible elastic constitu-
tive behavior for the cartilaginous tissues [93, 148]. The fluid
pressure dissipation during a gait cycle should be negligible,
because the loading cycle is in the order of a second [93],
while creep takes thousands of seconds to complete.However,
the material incompressibility must be explicitly formulated,
other than using an effective modulus and a Poisson’s ratio
close to half to approximate the incompressibility [32].

With all the difficulties discussed so far, it would be
hard to imagine the endeavors required to simulate cyclical
loadings when fluid pressure is considered. We have per-
formed some preliminary investigations to simulate a person
standing on a vibration plate, so no knee flexion needs to
be considered. This test condition made it possible to run
the computations (results not published yet). Frequency-
dependent load response has been investigated using carti-
lage explants [218–220]; it would be interesting to understand
the relevant behavior with the knee joint.

8.4. Future Directions. Although major progresses have been
made in the last two decades, much work remains to be
done in the computational knee jointmechanics, for example,
streaming potentials in the knee have not been modeled so
far. However, we will not attempt to discuss detailed research
topics here, because they are related to variety research
interests and goals of individual research groups. Instead, we
would like to discuss some general issues with the model
development.

8.4.1. Model Verifications. Model verification has probably
not been paid as much attention as model validation. Verifi-
cations are particularly important when limited experimental
data are available for the validation of the joint modeling.
If the material model is valid, geometry reconstruction is
right, and every aspect of the numerical procedures has been
proven to be correct, then the joint model is likely valid even
without experimental validation. A knee joint model should

be acceptable, after complete verifications have been done.
A few additional aspects are deliberated here, besides the
validation of geometry reconstruction discussed previously.

Verification of the contact approach for the particular
problem is very important because mechanical contact is a
key issue over the numerical convergence. The verification
can be performedwith simpler contact geometry and loading
conditions, with which the numerical results can be more
easily understood.Contact definitions andparameters should
all be tested before they are used in an anatomically accurate
jointmodel.The contact approach can also be validated using
a simple indentation testing, if the material model for the
specimen has been validated.

The analysis procedure must also be tested for the desired
bioengineering application. Since themajority of commercial
FE packages were originally developed for structural analysis
or traditional engineering applications, the solution proce-
dure may not be optimized for any biomechanical analysis. A
fewparameters are usually provided in a commercial software
for the customer control of the analysis. It must be noted that
the default values set by the software may not be the best
for the contact mechanics of the knee, although they may be
the best for the structural analysis of a robot. For example,
the Soil Consolidation procedure from ABAQUS has been
widely used to simulate the quasistatic response of articular
cartilage. When using this analysis procedure, we should
first note that the elastic material model in ABAQUS does
not include the feature of fibril reinforcement observed in
cartilage. Therefore, a user-defined stress-strain relationship
is recommended for the tissue matrix. In addition, the
definition of permeability in ABAQUS complies with the
practice in civil engineering, which must be adapted to the
usage in biomechanics. Finally, the control over convergence
and accuracy is quite tricky. One must choose the right com-
bination of maximum allowable time and pore pressure
increments for each step. Otherwise, the convergence can be
very slow or may never be achieved.

Recently, an open source nonlinear, implicit FE program
called FEBio has been introduced that is designed and
tailored for biomechanical simulations (http://mrl.sci.utah
.edu/software/febio). The software currently supports com-
putational solid biomechanics and as an open source package
has the potential to expand by the users for particular
problems. The software is based on C++ computer language,
supports parallel processing, and has its own pre- and post-
processors called PREVIEW and POSTVIEW, respectively
[221]. A feature of the program is to allow fluid flow across
the contact interface, although this feature becomes available
in the two new versions of ABAQUS (v6.11 & v6.12).

Inappropriate finite elementmeshingmay produce incor-
rect results. It is known that the numerical solution must
converge with the mesh refinement. However, the issue
with knee joint meshing is over the distorted elements
generated by automatic meshing to fit the complex tissue
geometry. These elements should not be further refined, but
bemanually adjusted to speedupnumerical convergence.The
selection of tetrahedral versus hexahedral elements for mesh
generation may also affect the accuracy of the results. While
the discretization of a complex domain is much easier using
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tetrahedral or a combination of tetrahedral and hexahedral
elements, such ameshmight not be suitable for some simula-
tions. For instance, if porous elements in ABAQUS are used
to model the fluid pressure, quadratic hexahedral elements
yield better results. Moreover, the contact convergence is
generally slower when triangular/tetrahedral elements are
used as compared to quadrilateral/hexahedral elements.

The verification of the joint model should also be per-
formed with various loadings corresponding to the mechan-
ical functions of the joint.

8.4.2. Model Validations. Model validation is probably still
weak in the computational modeling of the knee joint. Many
validations in the past were limited tomatch partial measure-
ment, for example, the total force in the joint, by choosing
model parameters, such as contact conditions, geometric
constraints, and material properties. Such matches may
indicate certain procedures in the modeling have been done
correctly but do not really demonstrate sufficient proof for
the model validity. There are two issues with this type of
validations. First, the material properties may not be in the
right range, or the parameters are not physically correct at
all. Secondly, only partial measurement is matched, which is
often possible by adjusting multiple parameters at a reason-
able range, even themodeling is not completely right.The real
question is whether the model can be used to match multiple
measurements simultaneously, for example, the use of one
set of parameters predicts the total force, as well as maxi-
mum stresses and strains at various loadings. Since multiple
measurements are currently difficult, this type of validation
should be complemented with other types of validations. In
vivo MRI measurement of soft tissue deformation may be
promising in this regard.

The validation of joint modeling should be focused on
the choice of validated material models (constitutive laws),
before new reliable techniques are further available for precise
measurement of multiple mechanical parameters of the knee.
Using articular cartilage as an example, a validmaterialmodel
should be able to describe at least the load responses of
both unconfined compression and tensile testing at different
loadings. The unconfined compression testing is used to
demonstrate the mechanism of fluid pressurization in the
load support of the tissue, whereas the tensile testing is used
to observe the intrinsic viscoelastic properties of the tissue.
Successful simulation of the two types of testing indicates
some capability of the proposed constitutive law in describing
the two key mechanical mechanisms of articular cartilage.
A confined compression testing can be further considered
because it reveals the compressive properties of the tissue
independent of the tensile properties. Mathematically speak-
ing, the multiple material properties of a model can only
be determined by multiple testing. Indentation testing, on
the other hand, may not be as effective as the other types
of testing for the validation of a material law, because
the contact modeling itself for the indenter and specimen
requires validation as well. One may also suggest 2D tensile
tests for the validation of a material model [222].

The validation of a material model must be performed
for various loading magnitudes and loading rates, since

tissues like cartilage and ligaments are well known for their
nonlinear behavior and strain rate sensitivity [31–33]. It is
noteworthy that multistep ramp loading and relaxation or
creep tests well demonstrate the nonlinearity at both loading
phase and equilibrium. These multistep tests may be best
used to validate the constitutive law of a viscoleastic material
[45, 47].

8.5. Concluding Remarks. A good knee joint model should
be at least extensively verified.The validation may be focused
on the constitutive laws of the tissues, because tissue testing
is more developed and effective than whole joint testing.
Joint measurements should also be performed to validate
the numerical solutions whenever possible. Recent works in
whole joint testing may provide data to validate the compu-
tational models in terms of kinematics/kinetics. For instance,
joint simulator robots are capable of reproducing joint kinetic
data when in vivo kinematics data are provided as inputs,
or they can generate kinematic data emulating biological
motions if kinetics data are given [223–225]. However, one
should be aware of the limitation of all validations: limited
experimental data are not sufficient for the validation of
the joint model. Extensive verification of the model is still
necessary, even the numerical results match the data well.
Naturally, the model verification should be done prior to the
validation of the joint model.

A single run of FEA on the knee takes days or weeks,
if the time-dependent response is sought, for example, the
determination of the fluid pressurization in articular carti-
lages and menisci. In particular, creep takes a much longer
time to reach equilibrium than stress relaxation [88]. If a
valid material model is used, the creep response can be
qualitatively derived from the relaxation testing. Therefore,
we suggest to examine the stress relaxation of the knee
first; even creep is considered as a more realistic loading.
The simulation of creep is necessary only when quantitative
results for creep are needed. Another major factor that slows
down the computation is the use of actual fast loading, which
is necessary for the prediction of realistic load response
that is highly compression rate dependent. On the other
hand, one may use a slightly slower loading to obtain much
quicker convergence and yet acceptable results, since the rate
dependence is asymptotic [226].Thismethod is effective only
when the load response is close to the asymptote, which is the
instantaneous response.

The choice of a knee model depends on the research
questions to be answered. A rigid-body model may serve
the purpose of gait analysis of healthy knees. However, a
FE model is required to determine the contact pressures
in the knee in order to understand an abnormal gait. An
FE knee model with a single-phase incompressible material
law may be sufficient for the analysis of gait cycles but will
not provide any information on the nutrient transport in
articular cartilage that is performed by fluid flow in the
tissue. A fibril-reinforced poromechanical model may also
help understand the load share between the solid matrix
and fluid pressurization, as well as the stress in the collagen
network.



20 Computational and Mathematical Methods in Medicine

The choice between implicit and explicit solution tech-
niques is another factor that should be considered for numer-
ical simulations. Implicit methods are preferred for static and
quasistatic problems, while explicit methods are usually used
for impact and fast loading problems [150, 201, 206]. Since
explicit methods are conditionally stable, the criteria must be
set carefully to ensure numerical stability and convergence
[150]. Implicit methods are usually unconditionally stable,
but as discussed earlier, the selection of convergence criteria
is a critical aspect to ensure the numerical accuracy. It is
noteworthy that most of the knee joint models cited in this
review employ implicit methods. Another challenge, for a
computationally demanding simulation, is the efficiency of
parallel processing: explicit simulations are normally more
efficient when the number of CPUs increases as compared
to the implicit methods. In addition, when a commercial
FE package is used, the number of licenses is a practical
restriction on the number of CPUs recruited for a parallel
computing. Finally, GPU supercomputing may be a future
solution for real-time simulation of the knee jointmechanical
response, which is beyond the scope of this paper.
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“Numerical modelling of the weight-bearing total knee joint
replacement andusage in practice,”Mathematics andComputers
in Simulation, vol. 76, no. 1–3, pp. 49–56, 2007.

[203] A. Sharma, R. D. Komistek, C. S. Ranawat, D. A. Dennis, and
M. R. Mahfouz, “In vivo contact pressures in total knee arthro-
plasty,” Journal of Arthroplasty, vol. 22, no. 3, pp. 404–416, 2007.

[204] A. G. Au, V. James Raso, A. B. Liggins, and A. Amirfazli,
“Contribution of loading conditions and material properties
to stress shielding near the tibial component of total knee
replacements,” Journal of Biomechanics, vol. 40, no. 6, pp. 1410–
1416, 2007.

[205] H. Bougherara, Z. Mahboob, M. Miric, and M. Youssef, “Finite
element investigation of hybrid and conventional knee im-
plants,” International Journal of Engineering, vol. 3, no. 3, pp.
257–266, 2009.

[206] M. A. Baldwin, C. W. Clary, C. K. Fitzpatrick, J. S. Deacy,
L. P. Maletsky, and P. J. Rullkoetter, “Dynamic finite element
knee simulation for evaluation of knee replacementmechanics,”
Journal of Biomechanics, vol. 45, no. 3, pp. 474–483, 2012.

[207] D. J. van den Heever, C. Scheffer, P. Erasmus, and E. Dillon,
“Contact stresses in a patient-specific unicompartmental knee
replacement,” Clinical Biomechanics, vol. 26, no. 2, pp. 159–166,
2011.

[208] J. K. Otto, J. J. Callaghan, and T. D. Brown, “The Coventry
award paper: mobility and contact mechanics of a rotating
platform total knee replacement,” Clinical Orthopaedics and
Related Research, no. 392, pp. 24–37, 2001.

[209] Y. Guo, X. Zhang, and W. Chen, “Three-dimensional finite
element simulation of total knee joint in gait cycle,” Acta
Mechanica Solida Sinica, vol. 22, no. 4, pp. 347–351, 2009.

[210] N. H. Yang, P. K. Canavan, and H. Nayeb-Hashemi, “The effect
of the frontal plane tibiofemoral angle and varus knee moment
on the contact stress and strain at the knee cartilage,” Journal of
Applied Biomechanics, vol. 26, no. 4, pp. 432–443, 2010.

[211] N. H. Yang, P. K. Canavan, H. Nayeb-Hashemi, B. Najafi, and A.
Vaziri, “Protocol for constructing subject-specific biomechani-
cal models of knee joint,” Computer Methods in Biomechanics
and Biomedical Engineering, vol. 13, no. 5, pp. 589–603, 2010.

[212] D. Siu, J. Rudan, H. W. Wevers, and P. Griffiths, “Femoral artic-
ular shape and geometry: a three-dimensional computerized
analysis of the knee,” Journal of Arthroplasty, vol. 11, no. 2, pp.
166–173, 1996.

[213] S. J. Ferguson, J. T. Bryant, R. Ganz, and K. Ito, “The influence
of the acetabular labrum on hip joint cartilage consolidation: a
poroelastic finite element model,” Journal of Biomechanics, vol.
33, no. 8, pp. 953–960, 2000.
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e progression of osteoarthritis can be accompanied by depth-dependent changes in the properties of articular cartilage. e
objective of the present studywas to determine the subsequent alteration in the �uid pressurization in the human knee using a three-
dimensional computer model. Only a small compression in the femur-tibia direction was applied to avoid numerical difficulties.
e material model for articular cartilages and menisci included �uid, �brillar and non�brillar matrices as distinct constituents.
e kneemodel consisted of distal femur, femoral cartilage, menisci, tibial cartilage, and proximal tibia. Cartilage degeneration was
modeled in the high load-bearing region of themedial condyle of the femur with reduced �brillar and non�brillar elastic properties
and increased hydraulic permeability. ree case studies were implemented to simulate (1) the onset of cartilage degeneration
from the super�cial zone, (2) the progression of cartilage degeneration to the middle zone, and (3) the progression of cartilage
degeneration to the deep zone.As comparedwith a normal knee of the same compression, reduced �uid pressurizationwas observed
in the degenerated knee. �urthermore, faster reduction in �uid pressure was observed with the onset of cartilage degeneration
in the super�cial zone and progression to the middle zone, as compared to progression to the deep zone. On the other hand,
cartilage degeneration in any zonewould reduce the �uid pressure in all three zones.e shear strains at the cartilage-bone interface
were increased when cartilage degeneration was eventually advanced to the deep zone. e present study revealed, at the joint
level, altered �uid pressurization and strains with the depth-wise cartilage degeneration. e results also indicated redistribution
of stresses within the tissue and relocation of the loading between the tissue matrix and �uid pressure. ese results may only be
qualitatively interesting due to the small compression considered.

1. Introduction

Osteoarthritis (OA) is the most prevalent cause of disability
among the elderly [1–3] . Among all joints, the knee has the
highest incidence of OA [1, 4, 5]. e onset and progression
of OA is related to the mechanical environment of articular
cartilage [6]. In fact, the cartilage morphology, biosynthesis,
and pathogenesis are strongly associated with its mechanical
loading [7]. erefore, the better the mechanical behavior of
cartilage is understood, the better treatment and prevention
strategies could be planned.

Osteoarthritis has been reported to initiate with dete-
rioration from cartilage surface or cartilage-bone interface
[8]. e former is believed to be a result of surface wear
or splitting and the latter a result of high stiffness gradient

at cartilage-bone interface [8, 9]. An altered mechanical
environment, such as by stress, strain, and �uid �ow, affects
the biosynthesis of chondrocytes [10] and eventually leads to
tissue degeneration and loss and exposure of bone surface to
direct joint contact.

When OA is initiated from the surface, it progresses
layer by layer from the super�cial zone to the middle and
eventually deep zones [11]. During this process, each layer
of the tissue suffers from an altered mechanical environment;
for example, the stress, strain, and �uid pressure in the deeper
layer can be altered by degenerated super�cial layers.

e mechanics of depth-wise (layer by layer) progression
of OA in the knee joint must be affected by the multiple
contacts between the cartilaginous tissues, including femoral
cartilage, meniscus, and tibial cartilage. A few factors may
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F 1: Finite element model of the tibiofemoral joint, showing the distal femur, proximal tibia, menisci, and femoral and tibial cartilages.
e tibial cartilage on the medial side is essentially covered by the medial meniscus (right knee, medial side shown on the le of the �gure).
e femoral cartilage is further shown with 8 layers of elements.

Normal Case 1

Case 2 Case 3

Fluid pressure (MPa)

Fluid pressure (MPa)

0.226

0.165

0.104

0.042

−0.019

0.226

0.165

0.104

0.042

−0.019

F 2: Fluid pressure (M�a) at the normalized depth of 1�1� (super�cial layer) for the normal femoral cartilage and three cases of local
cartilage degeneration. Case 1: degeneration in the super�cial zone� Case 2: degeneration in both super�cial and middle zones� and Case
3: degeneration in all three zones. e site of degeneration is indicated with the dash lines (inferior view of the right knee, i.e., the medial
condyle on the right).

be important in the contact mechanics of the knee. First,
the 3D geometry of these tissues is obviously a dominant
parameter that determines the contact area and distribution
of contact loading. �econd, the �uid pressurization in these
tissues plays an essential role in the mechanical functions
of the knee, because the knee compression is associated

with high �uid pressure in these cartilaginous tissues �12].
Additionally, the depth-dependent tissue properties, oen
being characterized by three discrete zones, may also affect
the mechanical behavior of the joint.

Great progress has been made in computational OA
modeling, with major simpli�cations on the geometry
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Normal Case 1

Case 2 Case 3

Fluid pressure (MPa)
0.191

0.141

0.092

0.042

−0.007

Fluid pressure (MPa)
0.191

0.141

0.092

0.042

−0.007

F 3: Fluid pressure (MPa) at the normalized depth of 13/16 (deep layer) for the normal femoral cartilage and three cases of local cartilage
degeneration as de�ned in Figure 2.

including unrealistic boundary conditions and on the
material properties including absence of �uid and �ber
properties. For those studies with �uid pressure considered,
some assumed a spherical contact in the knee with no
meniscus [13–15]� others modeled uncon�ned compression
testing only. e effect of PG depletion and collagen
degradation was investigated by reducing the modulus
of the two constituents, respectively [16]. �ncon�ned
geometry was used with a �bril reinforced model [17].
In another study, OA was modeled in a depth-dependent
manner [18]. e depth-dependent properties were used
for cartilage based on values reported in the literature
[19]. Again, uncon�ned compression geometry was used
in the study. A major progress was made recently in
knee OA modeling when both 3� geometry and �uid
pressure in articular cartilage were implemented [20]. In
this latest study the �uid �ow in the menisci was ignored,
which could possibly affect the prediction of the contact
mechanics of the joint. Furthermore, the depth-dependent
mechanical properties were not incorporated in the
study.

Computer modeling may provide an effective tool to
examine the effect of cartilage degeneration on contact
mechanics and especially �uid pressure within the intact
joint. We attempted to study the contact mechanics with
an anatomically accurate �nite element (F�) model of the
normal and osteoarthritic knee joint. e material model for
the cartilaginous tissues included non�brillar matrix, �bers,
�uid, and depth-dependent properties.Wehypothesized that,
due to perturbations induced by OA, the �uid pressure in
the tissue would be reduced with a given knee compression

(displacement-control). To examine this hypothesis a normal
model was compared with case studies whereby depth-wise
progression of cartilage degeneration was implemented.

As a �rst step for our OA modeling of the knee, cartilage
degeneration was assumed in the high load-bearing region
of the medial condyle. is is one of the regions where
the lesions are more likely progressed to deep layers [9, 21,
22], although OA lesions were also found in other sites of
femoral cartilage [21, 23]. e medial condyle was chosen
because it was believed to carry higher load compared to the
lateral condyle [24]. e medial condyle was reported to be
more susceptible to OA development in both normal [25]
and ligament-de�cient knees [26–28]. e medial condyle
experienced the most rapid lesion progression [29].

2. Methods

e geometry of the model was reconstructed from MRI
images of the right knee of a 27-year-old male subject,
who had no symptoms of OA (SPGR sequence, 625 ×
625 𝜇𝜇m resolution, sagittal scan). e model included the
distal femur, femoral cartilage, meniscus, tibial cartilage,
and proximal tibia (Figure 1). e maximum thickness of
the femoral cartilage was approximately 2.8mm, and the
maximum thickness of the menisci was 8.4mm [30].

e cartilaginous tissues, that is, femoral cartilage,
menisci, and tibial cartilage, were assumed as �bril-
reinforced �uid-saturated materials. A �bril-reinforced
constitutive law was used which models the solid of the
tissue as a linear non�brillar matrix that is reinforced
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F 4: �ariation of �uid pressure along the depth of the femoral
cartilage, shown for a location in the central contact region of the
medial condyle where cartilage degeneration occurred. e depth
was normalized by the tissue thickness (0 = articulating surface; 1 =
cartilage-bone interface).e pressurewas calculated at the centroid
of each element.

by a nonlinear �brillar matrix [17]. Hence, two material
properties were required to de�ne the non�brillar matrix,
that is, the elastic modulus 𝐸𝐸𝑚𝑚 and Poisson’s ratio 𝜈𝜈𝑚𝑚. e
�brillar matrix was characterized by elastic moduli in three
orthogonal directions. For the case of small deformations
considered in the present study, these moduli were simpli�ed
as linear functions of the corresponding tensile strain, for
example, for the local 𝑥𝑥 direction

𝐸𝐸𝑥𝑥 = 
𝐸𝐸0𝑥𝑥 + 𝐸𝐸

𝜀𝜀
𝑥𝑥𝜀𝜀𝑥𝑥, if 𝜀𝜀𝑥𝑥 ≥ 0

0, if 𝜀𝜀𝑥𝑥 < 0.
(1)

e compressive stiffness of the �brillar matrix was neglected
because the �bers mainly support tensile loading. Note that
the 𝑥𝑥 direction could be oriented in different directions for
different sites. erefore, a 3D collagen orientation could be
thus incorporated. In order to describe the interstitial �uid
�ow, an orthotropic hydraulic permeability was introduced
per Darcy’s law, for example, for the local 𝑥𝑥 direction

𝑣𝑣𝑥𝑥 = −𝑘𝑘𝑥𝑥𝑝𝑝𝑓𝑓,𝑥𝑥, (2)

where 𝑘𝑘𝑥𝑥 is the 𝑥𝑥-component of the permeability, which is
the negative ratio of the 𝑥𝑥-component of the �uid velocity,
𝑣𝑣𝑥𝑥, and the 𝑥𝑥-component of the �uid pressure gradient, 𝑝𝑝𝑓𝑓,𝑥𝑥.
Simply replacing the subscript 𝑥𝑥 in (1) and (2) with 𝑦𝑦 or 𝑧𝑧
would obtain the relevant equations for the 𝑦𝑦 or 𝑧𝑧 direction.

e depth-dependent properties were incorporated for
the femoral cartilage; that is, the tissue properties varied
with the super�cial, middle, and deep zones, in the way
approximated previously [31]. In the super�cial zone, the
�bers were oriented according to the split lines recorded from
the surface ([32]; adopted from Figure 2 in [30]). In the
middle zone, the �bers did not have any speci�c orientation.
In the deep zone, they were vertical to the cartilage-bone
interface. In the meniscus, the primary �bers were oriented

in the circumferential direction. No preferred �ber directions
were considered for the tibial cartilage due to lack of data.

e surface-to-surface contact was de�ned between artic-
ulating surfaces using ABAQUS 6.10. Namely, contact was
de�ned between femoral cartilage andmeniscus, femoral car-
tilage and tibial cartilage, and meniscus and tibial cartilage.
No �uid �ow was assumed between cartilage and bone. e
cartilages and bones were meshed independently. However,
in reality, the cartilage is �rmly attached to the bone. ere
is no relative motion at the cartilage-bone interface. is
interface condition was modeled using the TIE contact
option provided by ABAQUS; that is, femoral cartilage was
tied to femur, medial and lateral tibial cartilages were tied to
tibia, and meniscus horns were tied to the tibial cartilage at
both ends of each meniscus.

A ramp compression of 0.1mm was applied in 1 s on top
of the femur while the bottom of the tibia was �xed. e
knee was in full extension. As a boundary condition, the free
articulating surface (which was not in contact) was assigned
to zero �uid pressure.

e consolidation procedure in ABAQUS was used to
analyze the quasistatic problem. For cartilaginous tissues,
porous elements with �uid pressure were used. e 20-node
quadratic elements were used for the femoral cartilage, and
the 8-node linear elements were used for tibial cartilage and
meniscus. e choice of using different element types for the
cartilages was a result of compromise between faster contact
convergence and better �uid pressure distribution. e 20-
node elements provide better numerical accuracy for the �uid
pressure but signi�cantly slow down the contact convergence.
We used the 20-node elements for the femoral cartilage,
because that was the focus for results.e bones weremeshed
with solid elements. e �uid pressure in the bones was not
considered, because it is less signi�cant in load support as
compared to that in cartilaginous tissues due to a 3-order
higher stiffness of the bones.

In order to understand the mechanics of the depth-wise
progression of OA, the normal and three degenerative case
studies were implemented computationally. In Case 1, the
perturbations were implemented only in the super�cial zone.
In Case 2, the perturbations were implemented in super�cial
and middle zones, and in Case 3, the perturbations were
implemented in all three zones. As discussed earlier, local
cartilage degeneration was implemented within the high
load-bearing region of the medial condyle of the femoral
cartilage (Figure 2, bounded by the dash line). All other
tissues were assumed normal.ese three cases simulated the
onset of cartilage degeneration from the super�cial zone and
progression to the deep zone.

e following perturbations were implemented for the
degenerated cartilage: the permeability was increased by 50%,
�oung’s modulus of �brillar matrix was decreased by 70%,
�oung’s modulus of non�brillar matrix was decreased by
65%, and the orientation of �bers was not set in any particular
direction. e material properties of normal tissues are
summarized in Table 1, which weremainly based on previous
�bril-reinforced modeling with tissue explants [31, 33]. We
assumed no changes in the thickness of the degenerated
cartilage, because only early degeneration was considered.
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Normal Case 1

Case 2 Case 3

Fluid pressure (MPa)

Fluid pressure (MPa)

0.226

0.165

0.104

0.042
−0.019

0.226

0.165

0.104

0.042
−0.019

F 5: Fluid pressure (MPa) in a sagittal plane of the medial condyle (cut position shown in Figure 2) for the normal femoral cartilage
and three cases of local cartilage degeneration as de�ned in Figure 2. e articulating surface is at the bottom, and the anterior side is on the
right.

Normal Case 1

Case 2
Case 3

Fluid pressure (MPa)

Fluid pressure (MPa)

0.226

0.165

0.104

0.042

−0.019

0.226

0.165

0.104

0.042

−0.019

F 6: Fluid pressure (MPa) in a coronal plane of the medial condyle (cut position shown in Figure 3) for the normal femoral cartilage
and three cases of local cartilage degeneration as de�ned in Figure 2. e articulating surface is at the bottom, and the lateral side is on the
le.

erefore, the same tissue geometry was used for the normal
and three case studies.

3. Results

All results presented here are for the end of ramp compression
prior to relaxation. e �uid pressure in the femoral cartilage
is shown in Figure 2 for a super�cial layer and Figure 3 for
a deep layer. �n either layer, no signi�cant alteration in the
pressure was seen in the lateral condyle (le in �gure) when
cartilage degeneration advanced in the medial condyle from
the super�cial to middle and then deep �ones (�ormal →
Case 1→ Case 2→ Case 3). e pore pressure in the medial
condyle was substantially reduced with the progression of
degeneration. is again was true for the �uid pressure in
either super�cial or deep layer.

e depth variation of the �uid pressure in the degen-
eration site is shown in Figures 4, 5, and 6. e pressure
decreased with the tissue depth in all cases. However, the
pressure gradient in the tissue thickness direction reduced
progressively with cartilage degeneration for a given knee
compression, with larger reduction in the super�cial �one
(Figure 4). e depth variation was also site-speci�c� it can
be more easily seen in the high load-bearing region (Figures
5 and 6).

e distribution of normal strain along the tissue depth
was also altered with degeneration in the medial condyle
(Figure 7). is strain was associated with the lateral expan-
sion of the tissue when compressed in the thickness direction.
e strain was smaller in the super�cial �one because more
tangentially oriented �bers there restrained the lateral expan-
sion. However, the �rst principal strain was actually higher
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T 1: Material properties for the normal tissues (modulus: MPa; permeability: 10−3 mm4/Ns). e x is the primary �ber direction, that is,
the split-line direction for the super�cial zone, the depth direction for the deep zone for articular cartilage, and the circumferential direction
for the meniscus. e y and z are normal to the primary �ber direction. e properties are the same in the y and z directions.

Tissue Fibrillar matrix, (1) Non�brillar matrix Permeability, (2)
𝐸𝐸𝑥𝑥 𝐸𝐸𝑦𝑦 or 𝐸𝐸𝑧𝑧 𝐸𝐸𝑚𝑚 𝜐𝜐𝑚𝑚 𝑘𝑘𝑥𝑥 𝑘𝑘𝑦𝑦 or 𝑘𝑘𝑧𝑧

Femoral cartilage
Deep zone 3 + 1600𝜀𝜀𝑥𝑥 0.9 + 480𝜀𝜀𝑦𝑦𝑦𝑧𝑧 0.80 0.36 1.0 0.5
Middle zone 2 + 1000𝜀𝜀𝑥𝑥 2 + 1000𝜀𝜀𝑦𝑦𝑦𝑧𝑧 0.60 0.30 3.0 1.0
�uper�cial zone 4 + 2200𝜀𝜀𝑥𝑥 1.2 + 660𝜀𝜀𝑦𝑦𝑦𝑧𝑧 0.20 0.16 1.0 0.5

Tibial cartilage 2 + 1000𝜀𝜀𝑥𝑥 2 + 1000𝜀𝜀𝑦𝑦𝑦𝑧𝑧 0.26 0.36 2.0 1.0
Menisci 28 5 0.50 0.36 2.0 1.0
Bones E = 5000 𝜐𝜐 = 0.30

Normal Case 1

Case 2 Case 3

Depth

0 0.25 0.5 0.75 1
0.0015

0.0095

0.0175

L
at

er
al

 s
tr

ai
n

F 7: Lateral strain along the depth of the femoral cartilage,
shown for a location in the central contact region of the medial
condyle where cartilage degeneration occurred. is normal strain
was in the direction parallel to the articulating surface and perpen-
dicular to the split line. e depth was normalized by the tissue
thickness (0 = articulating surface; 1 = cartilage-bone interface).e
normal strain was calculated at the centroid of each element.

in the super�cial zone than in the middle and most deep
zones due to high shear strains at the surface (not shown).
e �rst principal strain in the deepest layer was the largest
in Case 3 (Figure 8), mostly because of large shear strains at
the cartilage-bone interface inCase 3 (the lateral strain shown
in Figure 7 was not the largest at the deepest layer).

As compared to the normal case, the shear strains at the
cartilage-bone interface were reduced by cartilage degenera-
tion in the super�cial zone (Figure 9, Case 1 versus Normal)
and further reduced when degeneration progressed into the
middle zone (Figure 9, Case 2 versus Case 1). However,
the shear strains were eventually raised above normal when
cartilage degeneration progressed into the deep zone (Figure
9, Case 3 versus Normal). Note that these shear strains were
associated with shear stresses 𝜏𝜏𝑧𝑧𝑥𝑥 and 𝜏𝜏𝑧𝑧𝑦𝑦, which might cause
shear failure at the cartilage-bone interface (𝑧𝑧 is the tissue
thickness direction).

4. Discussion

e �uid pressurization in all cartilaginous tissues was
considered in the proposed model of cartilage degeneration
in the human knee with anatomically accurate geometry of
the joint. e zonal differences were considered in order to
simulate the progression of degeneration from the super�cial
to deep zones. Our hypothesis was positively tested: for a
given compression (displacement-control), the model pre-
dicted reduced �uid pressurization (Figures 2–6) although
water content increasedwith cartilage degeneration.e�uid
pressure can support a large portion of the load applied to
cartilage [12], which is believed to be part of the mechanism
to reduce the joint friction [34] and thus to reduce the chances
of OA initiation from the tissue surface. Furthermore, the
reduction in the �uid pressure observed in the present study
for the case of displacement-control indicated increased joint
friction and increased load support by the tissue matrix
in the case of joint-force-control. Both may cause further
progression of OA and deterioration of the tissue.

e onset of cartilage degeneration in an upper zone
also resulted in reduced �uid pressure in the lower zone; for
example, a degenerated super�cial zone would reduce the
�uid pressure in both middle and deep zones (Figure 4, Case
1). �ince �uid pressurization bears high loading for the tissue,
this result agrees with the protective role of the surface layer
for the deep layer, as suggested by both experimental and
computational studies [35, 36].

Furthermore, the �uid pressure reduced �uickly when
the degeneration started from the super�cial zone and pro-
gressed to the middle zone, then reduced at a lower rate
when the degeneration advanced to the deep zone (Figure
4). is was most likely a conse�uence of different �ber
orientations in the three zones. �n the super�cial zone, the
�bers are oriented tangentially to resist lateral expansion
under knee compression and thus great �uid pressure is
produced. �ome tangential �bers in the middle zone should
also contribute to increased �uid pressure. �n the deep zone,
however, the vertical �bers are in compression, and thus do
not signi�cantly contribute to �uid pressurization. erefore,
collagen degeneration in the deep zone would cause less
�uid pressure change in the tissue than degeneration in the
super�cial and middle zones.
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Case 2 Case 3
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F 8: First principal strain at the normalized depth of 15/16 (deep layer) for the normal femoral cartilage and three cases of local cartilage
degeneration as de�ned in Figure 2. is is an inferior view of the right knee; that is, the medial condyle is on the right.

e shear strains at the cartilage-bone interface were
increased substantially with cartilage degeneration to the
deep zone (Figure 9, Case 3 versus Normal). is was
probably because cartilage degeneration in the deep zone
further increased the high gradient of the material properties
from deep cartilage to underlying bone. Great shear strains
at the cartilage-bone interface could cause microfractures,
which eventually lead to OA [37–39]. e high gradients of
material properties are believed to increase the possibility of
damage to the cartilage-bone interface [8, 37]. Surprisingly,
the shear strains at the interface were reduced in Cases 1
and 2 prior to the progression of degeneration into the deep
zone (Figure 9, Case 1 or 2 versus Normal). e reason
was probably due to the reduction of �uid pressure and
its gradient in the tissue depth direction while the material
properties in the deep zone remained unchanged in Cases 1
and 2. Note that knee compression was given in the present
study (displacement-control). e shear strains might not
have been reduced in Cases 1 and 2, if the joint force had been
given (force-control).

Lower Young’s moduli and higher permeability were
used in the present study to simulate cartilage degeneration,
in agreement with data from the literature [40, 41] e
compressive modulus of cartilage was reduced, respectively,
by 18% and 87.5%, and the water content was increased,
respectively, by 79.9–81.6% and 84.1%, in moderate and
advanced OA [41, 42]. According to another study, as a
result of OA, the compressive and tensile moduli of human
articular cartilage were decreased by 55–68% and 72–83%,
respectively, and the permeability was increased by 60–80%
[43]. For the human tibial cartilage, the compressive stiffness

was decreased by 29% [44]; the compressive compliance
was increased by 71% as a result of OA [45]. Six months
aer anterior cruciate ligament transection, the compressive
modulus of canine cartilage was decreased by 25%, while the
permeability was increased by ∼48% twelve weeks aer the
surgery [46, 47]. We have used moderate values from these
measurements.

�educed surface �uid pressure withOAwas also reported
in the only similar existing study [20]. It was found in that
study that the stress distribution through cartilage depth was
also in�uenced by the orientation of super�cial �bers. e
additional features of the present study included the �uid
pressure in all cartilaginous tissues and full consideration
of the depth-dependent mechanical properties. We further
simulated the depth-wise cartilage degeneration from the
super�cial to deep zones. As a consequence, the present
results suggest that not only the degeneration in the super-
�cial layer reduced the �uid pressure in the deeper layers,
which agrees with the existing study [20], but also the
degeneration in the deeper layers lowered the �uid pressure
in the super�cial layer.

A major limitation of the present study was due to
the small knee compression (100 𝜇𝜇m) that was applied at
a rather low rate (100 𝜇𝜇m/s) in the computer simulation.
Our choice was a consequence of slow contact convergence
and high demand in computational time resulting from a
high resolution of element mesh associated with the zonal
differences. Eight layers of elements weremeshed in the tissue
thickness direction so therewere 2, 4, and 2 layers of elements,
respectively, for the super�cial, middle, and deep zones. is
mesh required several times more computational time, as
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F 9: Shear strains at the normalized depth of 15/16 (deep layer) for the normal femoral cartilage and three cases of local cartilage
degeneration as de�ned in Figure 2. is is shown for part of the medial condyle. e local 𝑥𝑥𝑥𝑥-plane is parallel to the cartilage-bone interface.
e corresponding shear stresses for the strains are 𝜏𝜏𝑧𝑧𝑥𝑥 and 𝜏𝜏𝑧𝑧𝑥𝑥, which are parallel to the interface.
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compared to the previous 4-layermesh when the zonal differ-
ences were ignored [30, 48]. It took about a week to complete
1 s simulation on a 4 CPU workstation. In addition, we
sometimes failed to obtain convergent results when larger or
faster compressions were applied. Further veri�cations are in
progress. Because of the small compression considered, one
primary concern is whether the results were compromised by
the geometrical errors introduced during MRI segmentation
and element meshing, such as errors in surface curvature
and tissue thickness. While such errors indeed existed, they
were probably at a lower level as compared to 100𝜇𝜇m. (e
quality of surface construction can be positively seen from the
continuous variation in pore pressure.e errors in geometry
construction have been examined by independent research
groups, e.g., [49].) Other limitations included the omission
of osmotic pressure and the use of lab loading conditions.

e same compression was used in the present study;
that is, a displacement-control was used for comparison.
While the force-control loading protocol is oen considered
more realistic, a knee joint with different stages of OA
may not experience the same force. As the OA develops,
the patient tends to apply lower load on the diseased side
[50]. On the other hand, it is more convenient and easier
to interpret the results when using a displacement-control
in both computer simulations and lab tests. eoretically,
the results from displacement-control can be qualitatively
interpreted to that of force-control. erefore, we chose the
displacement-control for simplicity.

e results presented here should be qualitatively correct,
although the magnitudes are not realistic because of the
use of small and slow compression in the present study.
e alterations due to degeneration would be ampli�ed in
the case of a physiologically realistic compression. is is
because of the nonlinear and compression-rate dependent
load response of the joint. If a larger compression was
applied, the �uid pressure in the healthy cartilage would
nonlinearly increase due to the normal collagen network in
the tissue, while the pressure in the degenerated cartilage
would increase more slowly due to a weak collagen network.
For the same reason, if the same compression was applied
faster, the �uid pressure would increase faster in the healthy
cartilage than in the degenerated cartilage. In other words,
the difference in the �uid pressurization in the healthy and
degenerated cartilages would be enlarged with the compres-
sion magnitude and compression rate. is is understood
fromprevious studies on cartilage explants: both nonlinearity
and strain-rate dependence of the load response of cartilage
are predominantly determined by the properties of collagen
network [17, 51, 52].

e results of this investigation shed light on the effect
of perturbation of material properties and �bers orientation
on knee joint mechanics, in the course of progression of OA
from cartilage surface to the cartilage-bone interface. Clinical
studies suggest the depth of cartilage defect as a parameter
that characterizes OA severity [53]. Computational modeling
can be used to study the effect of this parameter on the
mechanics of knee joint. Furthermore, the role of defect
depth in knee joint mechanics can be better understood if
computational models consider depth-dependent properties

embedded in an anatomical accurate geometry, as this study
showed. e �ndings of this study could be implemented in
characterizing OA severity based on the depth of cartilage
injury. In fact, the development of OA is a multifactorial
phenomenon including alteration of tissue mechanical prop-
erties, perturbation of �ber orientation, cartilage tissue loss,
and the size and location of cartilage lesion [20, 53–55].
In this study, the effect of the �rst two parameters was
investigated whereas the importance of other factors will be
investigated in future.

In summary, we have determined the alterations of �uid
pressure and strains in articular cartilage for the local tissue
degeneration in the medial condyle of the femur. ese
results may provide new information in understanding the
progression of osteoarthritis. As discussed earlier, cartilage
degeneration resulted in reduced capability of �uid pres-
surization and reduced pressure gradients in the tissue,
which suggest reduced lubrication in the joint and increased
load support for the tissue matrix. Results also suggest that
once cartilage degeneration is initiated from the articulat-
ing surface, it will eventually advance to the deep layer.
is facilitation is achieved through the reduction of �uid
pressurization in all three zones with greater reduction in
the super�cial zone and damage to the depth-dependent
structure of the tissue. In particular, cartilage degeneration
in the super�cial zone may increase the possibility of damage
to cartilage-bone interface.

�on��ct of �nterests

e authors have no con�ict of interests to disclose.

Acknowledgments

e present study was partially supported by the Natural
Sciences and Engineering Research Council of Canada and
the Canadian Institutes of Health Research.

References

[1] E. Manheimer, K. Linde, L. Lao, L. M. Bouter, and B. M.
Berman, “Meta-analysis: acupuncture for osteoarthritis of the
knee,”Annals of InternalMedicine, vol. 146, no. 12, pp. 868–877,
2007.

[2] Centers for Disease Control and Prevention, “Prevalence
of self-reported arthritis or chronic joint symptoms among
adults—United States, 2001,” Morbidity and Mortality Weekly
Report, vol. 51, pp. 948–950, 2002.

[3] G. Peat, R. McCarney, and P. Cro, “Knee pain and osteoarthri-
tis in older adults: a review of community burden and current
use of primary health care,” Annals of the Rheumatic Diseases,
vol. 60, no. 2, pp. 91–97, 2001.

[4] D. T. Felson and Y. Zhang, “An update on the epidemiology of
knee and hip osteoarthritis with a view to prevention,” Arthritis
& Rheumatism, vol. 41, pp. 1343–1355, 1998.

[5] S. A. Oliveria, D. T. Felson, J. I. Reed, P. A. Cirillo, and
A. M. Walker, “Incidence of symptomatic hand, hip, and
knee osteoarthritis among patients in a health maintenance



10 Computational and Mathematical Methods in Medicine

organization,” Arthritis and Rheumatism, vol. 38, no. 8, pp.
1134–1141, 1995.

[6] T. M. Griffin and F. Guilak, “e role of mechanical loading in
the onset and progression of osteoarthritis,” Exercise and Sport
Sciences Reviews, vol. 33, no. 4, pp. 195–200, 2005.

[7] F. Guilak and V. C. Mow, “e mechanical environment of
the chondrocyte: a biphasic �nite element model of cell-matrix
interactions in articular cartilage,” Journal of Biomechanics, vol.
33, no. 12, pp. 1663–1673, 2000.

[8] G. Meachim and G. Bentley, “Horizontal splitting in patellar
articular cartilage,” Arthritis and Rheumatism, vol. 21, no. 6, pp.
669–674, 1978.

[9] D. R. Carter, G. S. Beaupré, M. Wong, R. L. Smith, T. P. Andri-
acchi, and D. J. Schurman, “e mechanobiology of articular
cartilage development and degeneration,” Clinical Orthopaedics
and Related Research, no. 427, pp. S69–S77, 2004.

[10] M. Wong and D. R. Carter, “Articular cartilage functional
histomorphology andmechanobiology: a research perspective,”
Bone, vol. 33, no. 1, pp. 1–13, 2003.

[11] J. P. Arokoski, J. S. Jurvelin, U. Väätäinen, and H. J. Helminen,
“Normal and pathological adaptations of articular cartilage to
joint loading,” Scandinavian Journal of Medicine & Science in
Sports, vol. 10, pp. 186–198, 2000.

[12] G. A. Ateshian and C. T. Hung, “Patellofemoral joint biome-
chanics and tissue engineering,” Clinical Orthopaedics and
Related Research, vol. 436, pp. 81–90, 2005.

[13] J. Z. Wu, W. Herzog, and M. Epstein, “Joint contact mechanics
in the early stages of osteoarthritis,” Medical Engineering and
Physics, vol. 22, no. 1, pp. 1–12, 2000.

[14] S. Federico, G. la Rosa, W. Herzog, and J. Z. Wu, “Effect
of �uid boundary conditions on joint contact mechanics and
applications to the modelling of osteoarthritic joints,” Journal
of Biomechanical Engineering, vol. 126, pp. 220–225, 2004.

[15] S. Federico, W. Herzog, and J. Z. Wu, “Erratum: effect of
�uid boundary conditions on joint contact mechanics and
applications to themodelling of osteoarthritic joints,” Journal of
Biomechanical Engineering, vol. 127, no. 1, pp. 208–209, 2005.

[16] R. K. Korhonen, M. S. Laasanen, J. Töyräs, R. Lappalainen, H.
J. Helminen, and J. S. Jurvelin, “Fibril reinforced poroelastic
model predicts speci�callymechanical behavior of normal, pro-
teoglycan depleted and collagen degraded articular cartilage,”
Journal of Biomechanics, vol. 36, no. 9, pp. 1373–1379, 2003.

[17] L. P. Li, J. Soulhat, M. D. Buschmann, and A. Shirazi-Adl,
“Nonlinear analysis of cartilage in uncon�ned ramp com-
pression using a �bril reinforced poroelastic model,” Clinical
Biomechanics, vol. 14, no. 9, pp. 673–682, 1999.

[18] S. Saarakkala, P. Julkunen, P. Kiviranta, J. Mäkitalo, J. S.
Jurvelin, and R. K. Korhonen, “Depth-wise progression of
osteoarthritis in human articular cartilage: investigation of
composition, structure and biomechanics,” Osteoarthritis and
Cartilage, vol. 18, no. 1, pp. 73–81, 2010.

[19] W. Wilson, C. van Burken, C. C. van Donkelaar, P. Buma, B. van
Rietbergen, and R. Huiskes, “Causes of mechanically induced
collagen damage in articular cartilage,” Journal of Orthopaedic
Research, vol. 24, no. 2, pp. 220–228, 2006.

[20] M. E. Mononen, M. T. Mikkola, P. Julkunen et al., “Effect of
super�cial collagen patterns and �brillation of femoral articular
cartilage on knee joint mechanics-a 3D �nite element analysis,”
Journal of Biomechanics, vol. 45, pp. 579–587, 2012.

[21] B. B. Seedhom, T. Takeda, M. Tsubuku, and V. Wright,
“Mechanical factors and patellofemoral osteoarthrosis,” Annals
of the Rheumatic Diseases, vol. 38, no. 4, pp. 307–316, 1979.

[22] T. P. Andriacchi, A. Mündermann, R. L. Smith, E. J. Alexander,
C. O. Dyrby, and S. Koo, “A framework for the in vivo path-
omechanics of osteoarthritis at the knee,” Annals of Biomedical
Engineering, vol. 32, no. 3, pp. 447–457, 2004.

[23] W. C. Bae, M. M. Payanal, A. C. Chen et al., “Topographic
patterns of cartilage lesions in knee osteoarthritis,” Cartilage,
vol. 1, pp. 10–19, 2010.

[24] T. D. Brown and D. T. Shaw, “In vitro contact stress distribution
on the femoral condyles,” Journal of Orthopaedic Research, vol.
2, no. 2, pp. 190–199, 1984.

[25] M. M. Temple, W. C. Bae, M. Q. Chen et al., “Age- and
site-associated biomechanical weakening of human articular
cartilage of the femoral condyle,” Osteoarthritis and Cartilage,
vol. 15, no. 9, pp. 1042–1052, 2007.

[26] M. J. Strobel, A. Weiler, M. S. Schulz, K. Russe, and H. J. Eich-
horn, “Arthroscopic evaluation of articular cartilage lesions in
posterior cruciate ligament�de�cient knees,” Arthroscopy, vol.
19, no. 3, pp. 262–268, 2003.

[27] N. Maffulli, P. M. Bin�eld, and J. B. King, “Articular cartilage
lesions in the symptomatic anterior cruciate ligament-de�cient
knee,” Arthroscopy, vol. 19, no. 7, pp. 685–690, 2003.

[28] R.N. Tandogan,O. Taşer, A. Kayaalp et al., “Analysis ofmeniscal
and chondral lesions accompanying anterior cruciate ligament
tears: relationship with age, time from injury, and level of sport,”
Knee Surgery, Sports Traumatology, Arthroscopy, vol. 12, no. 4,
pp. 262–270, 2004.

[29] S. Biswal, T. Hastie, T. P. Andriacchi, G. A. Bergman, M. F.
Dillingham, and P. Lang, “Risk factors for progressive cartilage
loss in the knee: a longitudinal magnetic resonance imaging
study in forty-three patients,”Arthritis and Rheumatism, vol. 46,
no. 11, pp. 2884–2892, 2002.

[30] K. B. Gu and L. P. Li, “A human knee joint model considering
�uid pressure and �ber orientation in cartilages and menisci,”
Medical Engineering and Physics, vol. 33, no. 4, pp. 497–503,
2011.

[31] L. P. Li, M. D. Buschmann, and A. Shirazi-Adl, “A �bril
reinforced nonhomogeneous poroelastic model for articular
cartilage: inhomogeneous response in uncon�ned compres-
sion,” Journal of Biomechanics, vol. 33, no. 12, pp. 1533–1541,
2000.

[32] S. Below, S. P. Arnoczky, J. Dodds, C. Kooima, and N. Walter,
“e split-line pattern of the distal femur: a consideration in
the orientation of autologous cartilage gras,” Arthroscopy, vol.
18, no. 6, pp. 613–617, 2002.

[33] L. P. Li, J. T. M. Cheung, and W. Herzog, “ree-dimensional
�bril-reinforced �nite element model of articular cartilage,”
Medical and Biological Engineering and Computing, vol. 47, no.
6, pp. 607–615, 2009.

[34] C. W. McCutchen, “e frictional properties of animal joints,”
Wear, vol. 5, no. 1, pp. 1–17, 1962.

[35] L. A. Setton, W. Zhu, and V. C. Mow, “e biphasic porovis-
coelastic behavior of articular cartilage: role of the surface zone
in governing the compressive behavior,” Journal of Biomechan-
ics, vol. 26, no. 4-5, pp. 581–592, 1993.

[36] R. Shirazi, A. Shirazi-Adl, and M. Hurtig, “Role of cartilage
collagen �brils networks in knee joint biomechanics under
compression,” Journal of Biomechanics, vol. 41, no. 16, pp.
3340–3348, 2008.

[37] E. L. Radin and R. M. Rose, “Role of subchondral bone in
the initiation and progression of cartilage damage,” Clinical
Orthopaedics and Related Research, vol. 213, pp. 34–40, 1986.



Computational and Mathematical Methods in Medicine 11

[38] D. B. Burr and E. L. Radin, “Microfractures and microcracks
in subchondral bone: are they relevant to osteoarthrosis?”
Rheumatic Disease Clinics of North America, vol. 29, no. 4, pp.
675–685, 2003.

[39] M. J. Vener, R. C. ompson, J. L. Lewis, and T. R. Oegema,
“Subchondral damage aer acute transarticular loading: an in
vitromodel of joint injury,” Journal of Orthopaedic Research, vol.
10, no. 6, pp. 759–765, 1992.

[40] C. G. Armstrong and V. C. Mow, “Variations in the intrinsic
mechanical properties of human articular cartilage with age,
degeneration, and water content,” Journal of Bone and Joint
Surgery A, vol. 64, no. 1, pp. 88–94, 1982.

[41] S. Knecht, B. Vanwanseele, and E. Stüssi, “A review on the
mechanical quality of articular cartilage—implications for the
diagnosis of osteoarthritis,” Clinical Biomechanics, vol. 21, no.
10, pp. 999–1012, 2006.

[42] H. J. Nieminen, S. Saarakkala, M. S. Laasanen, J. Hirvonen, J.
S. Jurvelin, and J. Töyräs, “Ultrasound attenuation in normal
and spontaneously degenerated articular cartilage,” Ultrasound
in Medicine and Biology, vol. 30, no. 4, pp. 493–500, 2004.

[43] F. Boschetti and G. M. Peretti, “Tensile and compressive prop-
erties of healthy and osteoarthritic human articular cartilage,”
Biorheology, vol. 45, no. 3-4, pp. 337–344, 2008.

[44] M. Ding, M. Dalstra, F. Linde, and I. Hvid, “Changes in the
stiffness of the human tibial cartilage-bone complex in early-
stage osteoarthrosis,” Acta Orthopaedica Scandinavica, vol. 69,
no. 4, pp. 358–362, 1998.

[45] E. M. H. Obeid, M. A. Adams, and J. H. Newman, “Mechanical
properties of articular cartilage in knees with unicompartmen-
tal osteoarthritis,” Journal of Bone and Joint Surgery B, vol. 76,
no. 2, pp. 315–319, 1994.

[46] L. A. Setton, V. C. Mow, F. J. Müller, J. C. Pita, and D. S.
Howell, “Mechanical properties of canine articular cartilage
are signi�cantly altered following transection of the anterior
cruciate ligament,” Journal of Orthopaedic Research, vol. 12, no.
4, pp. 451–463, 1994.

[47] L. A. Setton, D. M. Elliott, and V. C. Mow, “Altered mechanics
of cartilage with osteoarthritis: human osteoarthritis and an
experimental model of joint degeneration,” Osteoarthritis and
Cartilage, vol. 7, no. 1, pp. 2–14, 1999.

[48] M. Kazemi, L. P. Li, P. Savard, and M. D. Buschmann, “Creep
behavior of the intact and meniscectomy knee joints,” Journal
of the Mechanical Behavior of Biomedical Materials, vol. 4, no. 7,
pp. 1351–1358, 2011.

[49] G. Li, O. Lopez, and H. Rubash, “Variability of a three-
dimensional �nite element model constructed using magnetic
resonance images of a knee for joint contact stress analysis,”
Journal of Biomechanical Engineering, vol. 123, no. 4, pp.
341–346, 2001.

[50] K. R. Kaufman, C. Hughes, B. F. Morrey, M. Morrey, and K. N.
An, “Gait characteristics of patients with knee osteoarthritis,”
Journal of Biomechanics, vol. 34, no. 7, pp. 907–915, 2001.

[51] L. P. Li, M. D. Buschman, and A. Shirazi-Adl, “Strain-rate
dependent stiffness of articular cartilage in uncon�ned com-
pression,”ASME Journal of Biomechanical Engineering, vol. 125,
pp. 161–168, 2003.

[52] L. P. Li, M. D. Buschman, and A. Shirazi-Adl, “Erratum: Strain-
rate dependent stiffness of articular cartilage in uncon�ned
compression,” Journal of Biomechanical Engineering, vol. 125,
no. 4, p. 566, 2003.

[53] M. Brittberg and C. S.Winalski, “Evaluation of cartilage injuries
and repair,” Journal of Bone and Joint Surgery A, vol. 85,
supplement 2, pp. 58–69, 2003.

[54] E. Peña, B. Calvo, M. A. Martínez, and M. Doblaré, “Effect of
the size and location of osteochondral defects in degenerative
arthritis. A �nite element simulation,”Computers in Biology and
Medicine, vol. 37, pp. 376–387, 2007.

[55] J. H. Guettler, C. K. Demetropoulos, K. H. Yang, and K. A.
Jurist, “Osteochondral defects in the human knee: in�uence
of defect size on cartilage rim stress and load redistribution
to surrounding cartilage,” American Journal of Sports Medicine,
vol. 32, no. 6, pp. 1451–1458, 2004.



Hindawi Publishing Corporation
Computational and Mathematical Methods in Medicine
Volume 2012, Article ID 767469, 8 pages
doi:10.1155/2012/767469

Research Article

Reliability of Semiautomated Computational Methods for
Estimating Tibiofemoral Contact Stress in the Multicenter
Osteoarthritis Study

Donald D. Anderson,1, 2 Neil A. Segal,1, 3, 4 Andrew M. Kern,1, 2 Michael C. Nevitt,5

James C. Torner,3 and John A. Lynch6

1 Department of Orthopaedics and Rehabilitation, The University of Iowa, Iowa City, IA 52242-1088, USA
2 Department of Biomedical Engineering, The University of Iowa, 1402 Seamans Center, Iowa City, IA 52242, USA
3 Department of Epidemiology, The University of Iowa, 2181 Westlawn, Iowa City, IA 52242-1088, USA
4 Department of Radiology, The University of Iowa, Iowa City, IA 52242-1088, USA
5 Department of Epidemiology and Biostatistics, University of California, San Francisco, 185 Berry Street, Lobby 5, Suite 5700,
San Francisco, CA 94107-1762, USA

6 Department of Radiology, University of California, San Francisco, 185 Berry Street, Lobby 5, Suite 5700, San Francisco,
CA 94107-1762, USA

Correspondence should be addressed to Neil A. Segal, segal-research@uiowa.edu

Received 8 July 2012; Revised 28 August 2012; Accepted 11 September 2012

Academic Editor: Leping Li

Copyright © 2012 Donald D. Anderson et al. This is an open access article distributed under the Creative Commons Attribution
License, which permits unrestricted use, distribution, and reproduction in any medium, provided the original work is properly
cited.

Recent findings suggest that contact stress is a potent predictor of subsequent symptomatic osteoarthritis development in the
knee. However, much larger numbers of knees (likely on the order of hundreds, if not thousands) need to be reliably analyzed
to achieve the statistical power necessary to clarify this relationship. This study assessed the reliability of new semiautomated
computational methods for estimating contact stress in knees from large population-based cohorts. Ten knees of subjects from
the Multicenter Osteoarthritis Study were included. Bone surfaces were manually segmented from sequential 1.0 Tesla magnetic
resonance imaging slices by three individuals on two nonconsecutive days. Four individuals then registered the resulting bone
surfaces to corresponding bone edges on weight-bearing radiographs, using a semi-automated algorithm. Discrete element analysis
methods were used to estimate contact stress distributions for each knee. Segmentation and registration reliabilities (day-to-
day and interrater) for peak and mean medial and lateral tibiofemoral contact stress were assessed with Shrout-Fleiss intraclass
correlation coefficients (ICCs). The segmentation and registration steps of the modeling approach were found to have excellent
day-to-day (ICC 0.93–0.99) and good inter-rater reliability (0.84–0.97). This approach for estimating compartment-specific
tibiofemoral contact stress appears to be sufficiently reliable for use in large population-based cohorts.

1. Introduction

Osteoarthritis (OA) is the most common chronic joint
disease [1, 2] and a major cause of disability in older
adults [3]. In the United States, more than 21 million
individuals, 16% of the population, suffer from arthritis.
This estimate is expected to reach 18.2% by 2020, affecting
nearly 60 million Americans [2, 4]. Most importantly, pain
associated with knee OA contributes to substantial functional
limitations and disability [5], prompting many individuals

to seek frequent medical care [2, 6]. Epidemiological risk
factors such as increased malalignment and obesity are
well-established risk factors for development of knee OA.
However, these factors only indirectly reflect aberrant joint
mechanics, and they cannot account for local site-specific
biomechanical factors involved in OA pathogenesis.

In contrast, articular contact stress is a critical and direct
factor in joint health. The addition of a valid biomechanical
model of local contact stress would therefore enhance the
ability of an epidemiological model to predict incident
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symptomatic tibiofemoral OA and anatomic worsening, by
identifying both the individuals and the area of the joint
surface at greatest risk. Ideally, any such subject-specific
modeling approach would be suitable for use in large
population-based study cohorts.

Contact stress is of course only one quantitative measure
of the full (multiaxial) stress state to which cartilage is
subjected. But, in addition to having been shown to be a very
useful metric in its own right [7, 8], it also closely correlates
with shear stress at the osteochondral junction and with
other important stress measures under functional loading
[9].

Prior computational methods to determine articular
contact stress have primarily relied on finite element anal-
ysis (FEA). However, FEA is less than ideally suited for
population-based longitudinal studies, due to its relatively
high complexity and resource-intensive nature for han-
dling nonlinearities inherent in the modeling of multibody
contact. Fortunately, discrete element analysis (DEA) has
emerged as an expeditious alternative to FEA for determining
articular contact stress [10, 11]. In DEA, bones are treated
as rigid bodies and cartilage as compressive-only springs,
distributed over the articulating bone surfaces. DEA mod-
eling approaches have begun to be developed to estimate
joint contact stress in a subject-specific manner [12–14].
But, analyses using these methods have been limited to tens
of subjects, due to inherent complexities in subject-specific
modeling. Much larger numbers (likely hundreds, if not
thousands) of subjects will need to be analyzed to achieve the
statistical power necessary to clarify the role of contact stress
in joint pathology.

The Multicenter Osteoarthritis (MOST) Study is a
prospective observational study of adults, age 50–79 years
at baseline, with either preexisting knee OA or at elevated
risk for it based on frequent knee symptoms, history of
knee injury, or surgery, being overweight, or obese [15].
Large-scale studies, such as MOST, present a unique oppor-
tunity to use longitudinal medical imaging data (CT, MRI,
radiographs) to assess the relationship between articular
contact stress and pathology. Using a DEA methodology, we
have previously shown that baseline articular contact stress
can predict incident symptomatic knee OA development
over 15 months in MOST study participants [16]. We
have furthermore also demonstrated that elevated articular
contact stress can predict the risk of cartilage and bone
marrow lesion worsening over 30 months in subjects from
MOST [17]. Our initial study involved modeling and analysis
of 60 knees, and the subsequent study an additional 38 knees.
While these studies have begun to shed new light on the
pathomechanical origins of OA, again, greater understanding
will require analysis in much larger numbers of subjects.

This study assessed the reliability of semiautomated
modeling and analysis methods developed to estimate
articular contact stress using data from the MOST cohort.
We have previously validated our DEA-based methods by
demonstrating good agreement between estimated contact
stress values and those measured in cadaveric specimens
[12]. Prior to use of DEA to estimate tibiofemoral contact
stress in larger observational or interventional studies, it is

also important to determine the interrater and day-to-day
reliability of MRI segmentation and of model registration
methodologies. If found to be a reliable approach, DEA-
based contact stress assessment could be a viable technique
for efficient collection of longitudinal tibiofemoral contact
stress in large-scale studies of the role of biomechanical risk
factors in the pathomechanical origins of knee OA.

2. Materials and Methods

This study was conducted using 10 knees randomly selected
from a prior study nested within the MOST cohort of 3,026
adults with or at elevated risk for knee OA [16]. MOST
used a population-based sampling frame to recruit 3,026
community-dwelling men and women, age 50–79 years, with
frequent knee symptoms or at risk for developing symp-
tomatic knee OA based on a history of knee injury or surgery
or being overweight or obese. Exclusion criteria included
bilateral knee replacement, cancer, or rheumatologic disease.
For the prior nested study, 30 case knees were randomly
selected from among MOST subjects at one clinical site who
developed incident symptomatic tibiofemoral OA between
their baseline and 15-month follow-up visits. These case
knees were matched with knees from 30 control subjects,
randomly selected from the same cohort, followed over
the same time, at the same site, who did not develop the
combination of frequent knee symptoms and radiographic
tibiofemoral OA.

2.1. Mechanical Modeling Approach. Accurate mechanical
modeling required that 3D bone surfaces be segmented from
MRI images and aligned to a loaded apposition. Posterior-
anterior (PA) fixed-flexion weight-bearing knee radiographs,
acquired according to a standardized protocol [18], were
used in a 3D-to-2D registration of bone surfaces to a loaded
apposition [19–22]. A feature-based 3D-to-2D alignment
algorithm was written in MATLAB (The MathWorks, Natick,
MA). The algorithm required a 3D triangulated surface for
each bone (available from the MRI segmentations), as well as
a 2D weight-bearing radiograph with a binary tracing of the
relevant bone edges.

The bony geometry of each knee was obtained from
the baseline visit MRI. MR images were acquired in MOST
with the subject in a seated position, using a 1.0 T dedicated
knee system (ONI Medical Systems, OrthOne). DEA knee
model generation involved several steps (Figure 1). First,
bone surfaces of the tibia and femur were segmented slice-
by-slice from MR images by tracing boundaries using an
interactive pen display [23]. The tracing was done within
the OsiriX DICOM viewer software environment (OsiriX
Foundation, Geneva, Switzerland). Point clouds for each
traced bone were output and wrapped with surface trian-
gulations using Geomagic Studio software (Geomagic, Inc.,
Research Triangle Park, NC). Moro-oka et al. previously
showed that manual MRI segmentation could provide model
surfaces for the femur and tibia that differed from CT-based
segmentations by only 0.08 mm and 0.14 mm, respectively
[24]. Any hole in the surface triangulation was filled using
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Figure 1: Methodology for subject-specific, population-wide investigations of habitual contact stress exposure in the knee. MR images are
segmented to produce bone models (a and b), which are aligned to a standing radiograph using a ray casting algorithm (c). Contact stress is
computed using discrete element analysis (d).

local curvature-matching methods. Application scripting of
the Studio software afforded an efficient means to produce
these surfaces for a large number of segmented knees.
Application scripting enables the repeated running of a
program (in this case, Geomagic Studio) to produce a desired
output (in this case, geometrical models) using a series
of text-based commands. Scripting, thus, makes possible
the unattended batch execution processing to create a large
number of models.

The registration alignment procedure utilized an opti-
mization approach to minimize the difference between
the segmented bone model silhouette, as projected onto a
pseudo-radiographic image plane using a ray-casting tech-
nique, and information from the PA fixed-flexion radiograph
[19]. Bone edge tracings from the (2D) radiographs were
obtained in a supervised manner using a semiautomated
procedure implemented in MATLAB. This process enables
a user to confirm that the edges identified by the semiauto-
mated algorithm correspond with the bony outline and not
to spurious trabecular detail or radiographic artifacts. Next,
a scene was recreated in virtual space to match the MOST
radiograph acquisition protocol, with the X-ray source
placed at 72 inches from the detector and angled at a 5◦,
10◦, or 15◦ caudal angle, depending upon the details of the
original radiographic acquisition. The radiographic detector
was represented virtually as a rectangle constructed of two
adjacent polygons located appropriately in the scene. The
spatial coordinates of the segmented bone model were then
transformed from the MRI coordinate space to a nominal
position between the source and detector in the virtual scene.

Rays were cast from the X-ray source to the silhouette
edges of the model and intersected with the film plane,
creating a set of points that defined edge vertices projected
onto the film. These projections were then connected using
a line drawing algorithm to create a continuous contour
representing the bone edge. This contour was compared
to the bone edge tracings from the fixed flexion radio-
graph. Comparison between the ray-casted contour and the
segmented radiographic edge provided a basis for a cost
function to align the bone model.

A covariance matrix adaptation evolution strategy
(CMA-ES [25]), a meta-heuristic global optimizer that

requires few parameters to be selected a priori, was utilized
to iteratively manipulate bone models through the 3D
space to achieve the desired best alignment (Figure 2). The
translations and rotations necessary to bring the bones into
loaded apposition are output from the software. As CMA-ES
is a heuristic algorithm and this specific class of problem is
highly nonconvex, three runs of the algorithm were executed,
and the results were recorded. In recent work with a similar
alignment approach, excellent measurement accuracy was
established with translations accurate to within 0.5 mm and
rotations to within 0.7◦ [21].

Each of the two bones (femur and tibia) was aligned
separately, but not independently. First, the femur was
aligned, and then the final best computed transformation for
the femur was applied to the tibia to move it into an initial
pose. An additional component was then added to the cost
function to penalize for movement of the tibia away from
the femur. Starting from this position of close approximation
to the final best femoral alignment allowed for the tibial
alignment to proceed much more expeditiously.

Following alignment, articular contact stresses were
computed using a previously validated DEA algorithm,
written in MATLAB [12]. The stress analysis assumed rigid
subchondral bone, with a uniform combined tibiofemoral
thickness 6 mm linear elastic cartilage layer. This assumption
of uniform cartilage thickness was necessary due to scan
resolution-related issues; precise measurement of the carti-
lage thickness was not feasible. Sensitivity to the combined
cartilage thickness was minimal; trials with thickness of 4 and
8 mm showed <10% change in peak contact stress [12].

The DEA algorithm allows rapid computation of contact
stress between two apposed surfaces, without the necessity
for a volumetric meshing step as in finite element analysis.
The algorithm begins by using a space-partitioning algo-
rithm to expeditiously compute nearest neighbors between
facets of the apposed surfaces. Each nearest neighbor pair
was queried to identify pairs that had undergone apparent
penetration and create springs between those pairs. Contact
stresses were then computed using a spring model [13] that
related deformation of the springs to engendered contact
stress [12]. The computation was based on total cartilage
thickness, the cartilage elastic modulus and Poisson’s ratio
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Generation 1 Generation 5 Generation 10 Generation 70

Figure 2: Multiple evolutionary generations in the CMA-ES optimization approach show a steady march toward a single best alignment
(top row), driven by a cost function that incorporates evaluation of agreement between a model silhouette projected onto the radiographic
image plane and the bone edge detected from the actual radiograph (bottom row). Each CMA-ES generation includes 70 candidate spatial
alignments, with those having the lowest cost function evaluation being used to drive subsequent generations.

(chosen to represent cartilage behavior at physiologically rel-
evant loading rates), and the calculated spring deformations
associated with the applied bone displacements. The elastic
modulus of cartilage used was 12 MPa [26], and the Poisson’s
ratio was 0.42 [27].

The overall contact force was computed from the vecto-
rial summation of normal forces acting on each individual
triangle (contact stress × triangle area). The simulation was
run in load control, utilizing a vertical loading of 1000 N.
Based upon the computed contact force, the tibiofemoral
apposition was adjusted in an iterative manner to obtain the
translations required to achieve static equilibrium. The peak
and mean contact stresses acting over each compartment
(medial and lateral) of each knee were reported from the
DEA-computed contact stress distributions.

2.2. Reliability of the Modeling Approach. To determine
the reliability of our modeling approach, we assessed the
reproducibility of DEA contact stress measures obtained
from (1) multiple independent segmentations of ten MOST
participant knees based on a single set of registrations as well
as (2) multiple independent registrations based on a single
set of segmentations, as described in detail below.

To assess reliability of the segmentation step, three indi-
viduals manually segmented bone surfaces from sequential
MRI slices on two nonconsecutive days. Each independent
segmentation was then subjected to the same spatial matrix
transformation for placement into a loaded apposition. DEA
methods were used to estimate contact stress distributions
for each knee. Reliability of the segmentation step (day-
to-day and interrater) was assessed by calculating intra-
class correlation coefficients (ICC 2,1) for peak and mean
tibiofemoral contact stress using the Shrout-Fleiss single-
score method [28].

To assess reliability of the registration step, four indi-
viduals registered the 3D models based on a single set of
bone surface segmentations (i.e., all individuals used the

same segmentations) of the same 10 MOST knees to weight
bearing radiographs. One individual repeated the task at
a later point in time. The registration methods described
above were used to align the MRI-derived 3D bone models to
the bone edges from the radiographs. Thus, the registration
reliability summarized the agreement between contact stress
estimates, considering the aggregate variability from users
interactively selecting the relevant radiographic bone edges
and variability due to differences in the outcomes of the three
runs of the CMA-ES alignment algorithm. Reliability of the
registration step (day-to-day and interrater) was assessed by
calculating intraclass correlation coefficients (ICC 2,1) for
peak and mean tibiofemoral contact stress using the Shrout-
Fleiss single-score method [28].

3. Results and Discussion

The methods described provided an efficient means for
obtaining contact stress estimates in the knees studied.
Manual tracing of the bone surfaces accounted for the
majority of time expenditure, at approximately 2 hours of
user time per knee. Suitable automated knee segmentation
methods (e.g., [29]) are fast becoming available, and they
will allow for large reductions in the user time required to
complete this task.

Alignments were completed in approximately 4 minutes
per bone, involving over 8,000 cost function evaluations. As
expected, alignment had the highest variability out of the
plane of the radiograph. Future studies using simultaneous
biplanar imaging techniques would greatly reduce this
variability, but PA and lateral images were unfortunately
acquired asynchronously in MOST. Contact stress compu-
tations were completed in approximately 3 minutes per
knee and produced reasonable contact stress distributions,
consistent with those reported in our prior work with this
modeling approach [16, 17].
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(d) Registration day-to-day reliability

Figure 3: These Bland-Altman plots show day-to-day and interrater reliability for the segmentation and registration to generate estimates of
the mean contact stress on the medial compartment. For day-to-day reliability, the y-axis represents the difference between measurements
on two separate occasions for a single rater, while the x-axis represents the mean value. For interrater reliability, the y-axis represents the
difference between measurements obtained by two different raters while the x-axis represents a pooled mean of all rater pairs. For all plots,
the central horizontal line is the mean difference and the lines above and below it represent ± 2 SD. Measurements that resulted in values of
zero (no contact stress) were omitted from the final plots to enhance legibility.

The (day-to-day, interrater) reliabilities for segmenta-
tions of the medial compartment were (0.94, 0.87) for
peak and (0.93, 0.84) for mean contact stress, and for the
lateral compartment they were (0.99, 0.96) and (0.98, 0.95),
respectively (Table 1). The (day-to-day, interrater) reliability
of the registrations for the medial compartment were (0.93,
0.94) for peak and (0.94, 0.95) for mean contact stress,
and for the lateral compartment they were (0.95, 0.97) and
(0.96, 0.97), respectively (Table 2). Bland-Altman plots of
day-to-day and interrater reliability were generated for visual

assessment of the reliability of segmentation and registration
steps in the estimation of the peak and mean contact stress
on the medial and lateral compartments. The four plots for
medial compartment mean contact stress, a key predictor of
the development of knee OA in our prior work [16, 17], are
presented in Figure 3.

The quality of the contact stress estimations obtained
using the methods here presented ultimately depends on
the input data, and that is why reliability assessments were
undertaken. Alignment is a major issue, but sotoo is the



6 Computational and Mathematical Methods in Medicine

Table 1: Segmentation reliability—contact stress intraclass corre-
lation coefficients for day-to-day and inter-rater reliability (Shrout-
Fleiss reliability single scores) for peak and mean contact stress in
the medial and lateral compartments of the 10 knees studied.

Segmentation reliability Compartment Peak stress Mean stress

Day-to-day
Medial 0.94 0.93

Lateral 0.99 0.98

Interrater
Medial 0.87 0.84

Lateral 0.96 0.95

Table 2: Registration reliability—contact stress intraclass correla-
tion coefficients for day-to-day and inter-rater reliability (Shrout-
Fleiss single score reliability) for peak and mean contact stress in
the medial and lateral compartments of the 10 knees studied.

Registration reliability Compartment Peak stress Mean stress

Day-to-day
Medial 0.93 0.94

Lateral 0.95 0.96

Interrater
Medial 0.94 0.95

Lateral 0.97 0.97

reliability of the manual segmentations. Both significantly
influence the computed values of contact stress, so their
reliabilities were independently assessed. The variability
in contact stress calculations associated with different
segmentations and registrations were evaluated precisely
because that computation produces the primary variable
demonstrated to have clinical predictive value in our other
published work—where the rubber hits the road in efforts to
correlate estimates of contact stress with the development of
knee OA.

Computational stress analysis necessarily involves sim-
plifying assumptions. The results of prior physical testing at
loading rates consistent with walking [30], and the equiva-
lence between short-time biphasic and incompressible elastic
material responses [31, 32], justify treating articular cartilage
as a linear elastic material in the present context. Subchon-
dral bone was modeled as rigid, based on mechanical data
showing that its compressive modulus is almost two orders
of magnitude higher than that of articular cartilage [26, 33].
These seem acceptable approximations, at least for functional
loads and loading rates. Prior physical validation of this DEA
formulation [12] reinforces that these simplifications are
reasonable. Other important assumptions made include the
modeling of a single static loading condition. Differential gait
alterations across the study population would likely influence
the predictions of contact stress.

Elevated contact stress exposure is but one of several
factors influencing a joint’s propensity for OA develop-
ment. To our knowledge, there exist no large-series data
demonstrating the value of subject-specific contact stress as
a predictor of incident symptomatic knee OA. Our prior
work was novel in that it identified a correlation between
maximum contact stress and risk for development of inci-
dent symptomatic tibiofemoral OA, albeit in a relatively
small cohort of subjects. The capabilities of DEA were key
to establishing that correlation, and those capabilities enable

study of a much larger series of subjects than would be
practicable by full tensorial stress analysis using techniques
such as finite element or boundary element analysis.

Due to the extensive use of automation in model
creation, alignment, and contact stress computation, pro-
cedures for verifying the quality of individual results must
be considered. For the purposes of this study, results
for each step were examined and confirmed visually, but
this will not be feasible in contemplated studies involving
thousands of modeling simulations. For this reason, robust
and objective methods need to be developed to specifically
identify poor solutions and return them to the analyst for
further consideration.

4. Conclusion

The described methods provide a practical framework
for utilizing information from large epidemiological and
clinical studies to compute mean and peak articular contact
stress exposures in the medial and lateral tibiofemoral
compartments. The segmentation and registration steps of
the DEA process appear to have good to excellent day-to-
day and interrater reliability. This technique for estimating
compartment-specific tibiofemoral contact stress may be
useful for estimating biomechanical stress in large cohorts.
In an ongoing study, the described methods have been used
to analyze 200 knees from MOST subjects. Future addition
of automated segmentation and quality control methods
will significantly decrease investigator time investment and
further improve the predictive value.
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