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Abstract

The intricate properties of articular cartilage and the complexity of the loading environment are
some of the key challenges in developing models for biomechanical analysis of the knee joint.
Fibril-reinforced poroelastic (FRPE) material models have been reported to accurately capture
characteristic responses of cartilage during dynamic and static loadings. However, high
computational and time costs associated with such advanced models limit applicability of FRPE
models when multiple subjects need to be analyzed. If choosing simpler material models, it is
important to show that they can still produce truthful predictions. Therefore, the aim of this study
was to compare depth-dependent maximum principal stresses and strains within articular cartilage
in the 3D knee joint between FRPE material models and simpler isotropic elastic (IE), isotropic
poroelastic (IPE) and transversely isotropic poroelastic (TIPE) material models during simulated
gait cycle.

When cartilage-cartilage contact pressures were matched between the models (15% allowed
difference), maximum principal stresses in the IE, IPE and TIPE models were substantially lower
than those in the FRPE model (by more than 50%, TIPE model being closest to the FRPE model),
and stresses occurred only in compression in the IE model.

Additional simulations were performed to find material parameters for the TIPE model (due to its
anisotropic nature) that would yield maximum principal stresses similar to the FRPE model. The
modified homogeneous TIPE model was in a better agreement with the homogeneous FRPE
model, and the average and maximum differences in maximum principal stresses throughout the
depth of cartilage were 7% and 9%, respectively, in the lateral compartment and 9% and 11% in
the medial compartment. This study revealed that it is possible to match simultaneously maximum
principal stresses and strains of cartilage between non-fibril-reinforced and fibril-reinforced knee
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joint models during gait. Depending on the research question (such as analysis of fibril strain
necessitates the use of fibril-reinforced material models) or clinical demand (fast simulations with
simpler material models), the choice of the material model should be done carefully.
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INTRODUCTION

Avrticular cartilage is a multiphasic, inhomogeneous and anisotropic soft tissue that exhibits
strong creep and stress-relaxation behavior, and is often subjected to dynamic loading (Mow
etal., 1989). In order to understand joint mechanics, these unique material properties of
cartilage together with realistic loading conditions need to be considered.

Finite element (FE) modeling could help identify changes in tissue-level mechanical stresses
and strains and describe how these parameters might relate to potential joint and cartilage
pathologies (Kazemi et al., 2013). The accuracy of the FE model can be validated by how
precisely it can simulate the reality and it can depend on multiple variables such as the
geometry of the articulating surfaces, material models and properties, joint loads, and
boundary conditions (Besier et al., 2005). For example, Shirazi-Adl (Shirazi-Adl, 1989)
already demonstrated with an axisymmetric FE model that normal stresses of annulus
fibrosus are highly sensitive to different material models even if strains and displacements
match. However, the effect of material model on articular cartilage stresses and strains has
not been shown in 3D knee joint model during gait.

Various material models have been developed to describe the mechanical behavior of
articular cartilage (Donahue et al., 2002; Mononen et al., 2011; Pefia et al., 2007; Yang et al.,
2010a). Due to computational costs and time-consuming nature associated with 3D FE
modeling, cartilage is often considered as homogenous, isotropic and linearly elastic
material, and interstitial fluid flow is sometimes neglected (Pefia et al., 2007). Such models
can be applied to characterize the equilibrium or instantaneous response of cartilage, but
they fail to incorporate time- and direction-dependent behavior of cartilage and
compression-tension nonlinearity (Cohen et al., 1998; DiSilvestro et al., 2001; Korhonen and
Jurvelin, 2010). Isotropic biphasic/poroelastic (Donahue et al., 2002), isotropic hyperelastic
(Anderson et al., 2008) and transversely isotropic biphasic/poroelastic (Vaziri et al., 2008;
Wilson et al., 2003) material models of cartilage have also been used for knee joint FE
modeling. It has been reported that fibril-reinforced models are able to represent the
characteristic dynamic, static and time-dependent responses of articular cartilage, as
experimentally validated using in vitro stress-relaxation and creep tests in different
measurement geometries (Julkunen et al., 2008; Korhonen et al., 2003; Li et al., 2000; Li et
al., 2001; Wilson et al., 2006). Such material models are able to take into account the
mechanical effects of the nonfibrillar and fibrillar matrices of cartilage. In recent studies,
fibril-reinforced material models of articular cartilage in the knee joint have been used for
analyzing knee internal forces (Adouni and Shirazi-Adl, 2013; Adouni and Shirazi-Adl,
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2014) and cartilage stresses during gait (Halonen et al., 2013; Korhonen et al., 2015; Li et
al., 2000; Li et al., 2001; Marouane et al., 2015).

Even though fibril-reinforced poroelastic material models are able to take into account the
mechanical roles of collagen, proteoglycans and fluid, there are high computational costs
associated with more advanced knee joint models. For instance, a single run of a knee joint
model with the fibril reinforced cartilage material may take days or even weeks (Kazemi et
al., 2013). This limits the applicability of the fibril reinforced models when biomechanics of
many subjects need to be studied. Simpler material models are easier and faster to generate
and the simulation becomes much quicker. It is however important to know whether simpler
models can still produce truthful predictions. Therefore, the aim of this study was to
compare maximum principal stresses (total non-fibrillar/fibrillar solid and fluid) and
maximum/minimum principal logarithmic strains of cartilage with different material models
in a healthy knee joint during simplified gait cycle. Implemented material models were
isotropic elastic, isotropic poroelastic, transversely isotropic poroelastic and fibril-reinforced
poroelastic. Furthermore, we aimed to find material parameters of cartilage so that depth-
wise stresses and strains would be similar in the transversely isotropic poroelastic and fibril-
reinforced poroelastic models.

2. MATERIALS AND METHODS

Magnetic Resonance Imaging (MRI) data from the healthy right knee joint of a female
subject, obtained from the Osteoarthritis Initiative (OAI) database (http://
www.oai.ucsf.edu/), were used in this study. For more detailed information on the generation
of the model geometry and FE mesh, see Supplementary material.

2.1. Material models for cartilage

Material models—As the aim was to investigate the influence of the material model on
articular cartilage mechanics during gait, we constructed and simulated the knee joint
function using six different material models of cartilage: 1) homogeneous isotropic elastic
(IE), 2) homogeneous isotropic poroelastic (IPE), 3) homogeneous transversely isotropic
poroelastic (TIPE), 4) homogenous fibril-reinforced poroelastic (FRPE), 5) depth-dependent
TIPE, and 6) depth-dependent FRPE model. In all models, menisci were considered as a
transversely isotropic elastic material (Table 1) and material properties were obtained from
previous experimental studies (Danso et al., 2015; Elliott et al., 2002; Goertzen et al., 1997;
Mow and Ratcliffe, 1997). Additional information about the material models can be found in
Supplementary material.

Depth-dependencies—In order to study the effect of tissue inhomogeneity on stresses
and strains, depth-dependent TIPE and FRPE models of cartilage were also constructed.
Since collagen fibrils (together with fluid) control primarily cartilage response during short-
term loading (Mononen et al., 2012) such as walking (as was simulated here), we only
concentrated on the inhomogeneity caused by the collagen fibril network. Zonal thicknesses
of the superficial, middle and deep zones were set to 12%, 32% and 56% of the total
thickness for the tibial cartilage (Changoor et al., 2011; Kurkijarvi et al., 2008; Nissi et al.,
2006), respectively, while femoral cartilage was always homogenous (in order to allow
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better comparison of stresses and strains in the tibial plateau cartilage with corresponding
homogeneous models). In the depth-dependent FRPE model, the well-organized primary
fibrils formed an arcade-like architecture in the tibial cartilage (Benninghoff, 1925),
consisting of the superficial zone with fibrils oriented parallel to the cartilage surface,
bending fibrils in the middle zone, and fibrils oriented perpendicular with the tissue surface
in the deep zone. This structural inhomogeneity causes also mechanical inhomogeneity,
thus, the tensile stiffness parallel to the cartilage surface is the highest in the superficial zone
(Korhonen and Herzog, 2008). In the depth-dependent TIPE model, the material depth-
dependency was taken into account by changing the material stiffness as a function of the
actual collagen fibril orientation (Mow et al., 2005), i.e., by decreasing the in-plane Young’s
modulus parallel to the cartilage surface (Akizuki et al., 1986) in the middle and deep zones
(Table 2) because the tensile stiffness is the lowest perpendicular to the collagen fibril
alignment.

2.2. Boundary conditions, contact and implementation of gait cycle

Bottom nodes of the tibial cartilage were fixed in all directions. The femoral cartilage-bone
interface was fixed into the reference point, located at a middle point between lateral and
medial epicondyles of the femur (Mononen et al., 2015), using the coupling constraint
method in Abaqus. Fluid flow through the cartilage surfaces and the cartilage-bone interface
was not allowed as fluid flow through the surfaces during short term dynamic loading was
assumed negligible. The meniscal horns were fixed to bone using linear spring elements
(type SPRINGA) with a total spring constant of 350 N/mm per horn (Villegas et al., 2007).
All contacts were discretized by using surface-to-surface “hard” contact formulation with
finite-sliding tracking and they were enforced by using default penalty method in Abaqus.
For the simplified gait cycle, axial forces and extension—flexion rotations (Bergmann et al.,
2014; Kutzner et al., 2010) were applied into the reference point (Mononen et al., 2015) as
time-dependent boundary conditions and varus-valgus alignment was allowed to be free (see
more from Supplementary material).

2.3. Simulations

Simulation 1—First, the material parameters (Young’s moduli) of the IE and IPE models
were manually optimized so that the average contact pressures were close to those of the
depth-dependent FRPE model, while the material parameters for the TIPE and FRPE
cartilages were taken from earlier studies (Danso et al., 2015; Halonen et al., 2014; Mow et
al., 2005; Vaziri et al., 2008; Wilson et al., 2003; Wilson et al., 2004). For the TIPE models,
the material parameters were chosen as follows: in-plane Young’s modulus (£p)
corresponded the fibril network modulus (£ and out-of-plane Young’s modulus (£)
corresponded the non-fibrillar matrix modulus (£,;;) of the FRPE model (Simulation 1 in
Table 1 and Table 2). For the depth-dependent TIPE model, £, was reduced in the middle
and deep zones of cartilage as presented above (see chapter 2.1). Finally, average maximum
principal stresses (total non-fibrillar/fibrillar solid and fluid) and maximum/minimum
principal logarithmic strains over the contact areas were compared between the models (see
more from Supplementary material).
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Simulation 2—Following Simulation 1, an additional parametric analysis was conducted
to investigate whether it is possible to match depth-wise maximum principal stresses and
strains between the TIPE and FRPE models. For this purpose, material parameters of the
homogenous TIPE model were first parametrically modified (Simulation 2.1 in Table 1) and
stresses and strains were compared with the homogenous FRPE model. Then, this
parametric investigation was further expanded to the depth-dependent TIPE and depth-
dependent FRPE models (Simulation 2.1 and Simulation 2.2 in Table 2).

3. RESULTS

3.1. Comparison of different material models

Joint contact forces—Cartilage-cartilage contact forces in the medial and lateral
compartment were similar (maximum difference was 16%) between the material models. On
average, in the lateral compartment they were 510 N and 518 N for the 15t and 29 peak
force, respectively, while those in the medial compartment were 392 N and 590 N. Reaction
forces through the entire surfaces of the lateral compartment cartilage were almost identical
between the models (Figure 2 in the Supplementary material) and were 646 N and 727 N for
the 15t and 2"d peak force, respectively, while those in the medial side were 575 N and 690 N
(0.88 — 1.12 BW, maximum of 2.2 BW through the joint). Forces transferred through the
lateral meniscus were 135 N and 209 N for the 15t and 279 peak force, respectively, while
those through the medial side were 183 N and 100 N, and were similar between the material
models (maximum difference was 16%).

Maximum principal stresses—In contrast with the other models, the IE model showed
constantly negative maximum principal stresses (Figure 1-a). Compared with the FRPE
model, the IPE and TIPE models showed lower maximum principal stresses throughout the
depth of cartilage.

Maximum principal logarithmic strains—Lateral compartment cartilage: compared
with the FRPE model, the IE model had similar maximum principal logarithmic strains in
the superficial and middle zones but higher in the deep zone (Figure 1-b). The IPE model
showed similar maximum principal strains in the superficial zone of cartilage but higher in
the middle and deep zones. Compared with the other models, the TIPE models had higher
maximum principal logarithmic strains throughout the depth of cartilage.

Medial compartment cartilage: compared with the FRPE model, the IE model had lower
strains in the superficial zone and similar strains in the middle and deep zones (Figure 1-b).
The IPE model showed similar maximum principal strains in the superficial and middle
zones but higher in the deep zone. Compared with the other models, the TIPE models had
higher maximum principal logarithmic strains throughout the depth of cartilage.

Minimum principal logarithmic strains—Lateral compartment cartilage: compared
with the FRPE model, the IE model showed similar minimum principal strains in the
superficial and middle zones but higher in the deep zone (Figure 1-c). The IPE model
showed similar minimum principal strains with the FRPE model in the superficial zone and
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higher in the middle and deep zones. Compared with the other models, the TIPE model
showed higher minimum principal logarithmic strains throughout the depth of cartilage.

Medial compartment cartilage: compared with the FRPE model, the IE model had similar
minimum principal strains through the tissue depth. The IPE model showed similar
minimum principal strains with the FRPE model in the superficial and middle zones but
higher in the deep zone. Compared with the other models, the TIPE showed higher
minimum principal logarithmic strains throughout the depth of tibial cartilage.

3.2. Parametric analysis for transversely isotropic poroelastic models

3.2.1. Homogeneous model—The TIPE model with £° = 16 MPa showed similar
maximum principal stresses with the FRPE model throughout the depth of cartilage (Figure
2-a). It also showed similar maximum and minimum principal logarithmic strains with the
FRPE model throughout the depth of the lateral compartment cartilage (Figure 2), while
those in the medial compartment cartilage were slightly lower in the TIPE model (Figure 2-
b,c).

3.2.2. Inhomogeneous model

Maximum principal stresses. Lateral compartment cartilage: compared with the depth-
dependent FRPE model, the depth-dependent TIPE model with £° = 20 MPa in the
superficial zone (Simulation 2.1 in Table 2) had lower stresses throughout the depth of
cartilage (Figure 3-a). The depth-dependent TIPE model with £° = 24 MPa in the superficial
zone (Simulation 2.2 in Table 2) showed similar maximum principal stresses with the depth-
dependent FRPE model throughout the depth of cartilage.

Medial compartment cartilage: compared with the depth-dependent FRPE model, the depth-
dependent TIPE model with £7 =20 MPa in the superficial zone (Simulation 2.1 in Table 2)
had lower stresses throughout the depth of cartilage (Figure 3-a). Stresses approached to
those of the depth-dependent FRPE model when the in-plane modulus of the depth-
dependent TIPE model was increased to 27 = 24 MPa in the superficial zone (Simulation 2.2
in Table 2).

Maximum and minimum principal logarithmic strains. Compared with the depth-
dependent FRPE model, the depth-dependent TIPE model with £,= 20 MPa and 24 MPa in
the superficial zone showed similar maximum principal logarithmic strains throughout the
depth of cartilage (Figure 3-b, Figure 4) and similar minimum principal logarithmic strains
in the superficial and middle zones of cartilage (Figure 3-c). Slightly lower compressive
strains were observed in the deep zone of cartilage in the model with £° = 24 MPa in the
superficial zone.

4. DISCUSSION

In this study, differences in stresses and strains between different material models of
articular cartilage in the 3D knee joint FE model were analyzed during a stance phase of
gait. The IE, IPE and TIPE (homogeneous and depth-dependent) material models of
cartilage were compared with the FRPE model (with and without depth-wise collagen
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architecture). It was found that matching average cartilage-cartilage contact pressures and
maximum principal cartilage stresses and strains is not simultaneously possible between the
presented non-fibril-reinforced and fibril-reinforced material models. However, certain
analyzed parameters (such as stress or strain) can be the same between different material
models during the gait cycle.

This study clearly demonstrated that simpler material models could not capture maximum
principal stresses in the knee joint cartilage during gait similarly with the FRPE models
(when contact pressures were matched). This was consistent with a previous study by
Shirazi-Adl (Shirazi-Adl, 1989), where normal stresses between the orthotropic model (with
transverse isotropy) and the fibril-reinforced model of disc annulus were substantially
different even though strains were similar. Furthermore, the IE material model (elastic)
showed maximum principal stresses in compression while they were in tension in the other
models. This was due to the lack of fluid pressure in the IE material model. Normal joint
loading causes fluid to flow horizontally, increasing tensile stresses in a flow direction.
Previous studies have suggested that the fluid load support in cartilage can be even 5-15
MPa (supporting ~90% of the load) during walking (Ateshian et al., 1998; Korhonen et al.,
2015; Tanska et al., 2015; Vendldinen et al., 2016).

Average normal stresses (over the cartilage-cartilage contact area) in the IE model varied
between 0.7MPa and 2.4MPa in the lateral compartment and between 0.3MPa and 1.8MPa
in the medial compartment and were in a similar range as those reported by Yang et al. 2010
(Yang et al., 2010a; Yang et al., 2010b) for the knee model, where cartilage was also
considered as isotropic elastic and meniscus as transversely isotropic elastic. However, in all
our models maximum principal stresses and joint reaction forces were distributed quite
evenly between the lateral and medial compartments while in Yang’s model they were
concentrated more in the medial compartment. This difference can be explained by the
differences in the geometry and alignment of the subject’s knee joint and gait loading.
Particularly, the model by Yang et al. (Yang et al., 2010b) emphasizes the inclusion of varus-
valgus moment for the knee joint motion and distribution of joint forces while we used
earlier adopted boundary condition and allowed varus-valgus angle to be free. However,
quite even distribution of forces between lateral and medial compartments has also been
reported before (Kumar et al., 2013). See more discussion from Supplementary material.

In the depth-dependent TIPE model, the transverse Young’s moduli were estimated based on
the FRPE model, fibril orientation defining the tensile modulus (the highest value in the
superficial zone and lowest in the deep zone). This way contact pressures of the TIPE model
were only ~15% lower compared to those of the FRPE model, but maximum principal
stresses were substantially lower and strains higher. This can be explained with one
fundamental difference between these models. In the FRPE model, the density ratio between
the primary and secondary fibrils (C=3.74, obtained from the literature, see Supplementary
material) increases the stress of the fibrillar network (Wilson et al., 2004) and the modulus
values may not be comparable. In the TIPE model this indicates higher Young’s modulus in
the horizontal direction. By multiplying the original Young’s moduli (Table 2, Simulation 1)
with C, the following moduli are obtained for the superficial, middle and deep zones: 21.7
MPa, 15.0 MPa and 7.5 MPa, respectively. As seen from Table 2 and Figure 6, the FRPE and
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TIPE models give similar maximum principal stresses and strains when using moduli close
to these values.

Since the OAI database does not have gait analysis data for the subjects, and varus-valgus
angles vary between subjects (Kadaba et al., 1990; Kozanek et al., 2009; Scanlan et al.,
2010), the simplified gait cycle simulation was based on axial force and flexion-extension
angle (Bergmann et al., 2014; Kutzner et al., 2010) applied into the knee joint’s center of
rotation, while varus-valgus rotation was free, similarly as done earlier (Mononen et al.,
2015; Mononen et al., 2016). However, varus—valgus rotation in our models (Figure 3-b in
the Supplementary material) showed similar behavior to those measured in the earlier
experimental study (Kadaba et al., 1990). Though, we acknowledge the fact that changes in
the location where the compressive force is applied into our knee models could affect
medial/lateral loads and varus-valgus rotations. We conducted also additional simulations for
the depth-dependent TIPE and FRPE models with different gait input from healthy subjects
(Kozanek et al., 2009). Based on the results, the difference between the material models
remained similar (see more from Figure 4 in Supplementary material).

Since the aim of this study was to compare different material models of cartilage with the
same geometry and loading conditions, we did not include other soft tissues into the models
and applied simplified loading. This is a limitation of our study. We tested the simplified gait
cycle loading for the FRPE model with ligaments and found that ligaments have a small
effect on the total joint reactions forces and varus/valgus rotation in our model with the
simplified gait (Figure 3 in Supplementary material). However, it should be noted that our
models were driven by flexion-extension angles and axial forces with free varus-valgus
rotations, not by forces and moments. In models driven mainly by forces and moments, the
effects of other tissues and structures would be more important (Halonen et al., 2016; Tanska
etal., 2015).

Due to low permeability of articular cartilage, negligible fluid flow occurs through cartilage
surfaces under short-term loading (Ateshian et al., 1998); we assumed this boundary
condition for fluid flow in the models (also default option in Abaqus). Similar assumption
has also been done in earlier studies (Kazemi et al., 2012; Li and Gu, 2011; Mononen et al.,
2015; Tanska et al., 2015). In reality, free fluid flow through the cartilage surface may occur
at the regions that are not in contact. Nonetheless, pore pressures at contacting surfaces of
articular cartilage were within 10% between all material models (additional information can
be found in Supplementary material). We also did additional analyses with eight times finer
tibial mesh for the IPE model, and predicted peak values and average pore pressures were
within 1% and 6%, respectively.

In order to allow fair comparison between different material models of cartilage, we
incorporated the same transversely isotropic material properties of the meniscus in each
model, as obtained from the previous studies (Danso et al., 2015; Elliott et al., 2002;
Goertzen et al., 1997; Mow and Ratcliffe, 1997). While in reality meniscus is a fibril
reinforced poroelastic material and it has been modeled as such earlier (Kazemi et al., 2012;
Shirazi et al., 2008), our chosen material model for the meniscus should describe adequately
forces going through the meniscus during short term loading (negligible or limited volume
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change and fluid flow through surfaces). The same material model of meniscus was used in
our earlier models (Mononen et al., 2015; Mononen et al., 2016). However, we included
poroelasticity to cartilage models because fluid pressure is an important parameter for the
cartilage tissue response (carries ~80-90% of the load).

The only depth-dependency in the FRPE model was the collagen architecture and varying
in-plane Young’s modulus in the TIPE model, while the other depth-dependent material
properties (void-ratio dependent permeability, non-fibrillar matrix modulus) were excluded
from the model. The main feature in the fibril-reinforced and transversely isotropic models
is compression-tension nonlinearity, i.e., different properties in axial and transverse
direction. This anisotropy and its depth-dependency are very important for cartilage
behavior during gait (Halonen et al., 2014). The other parameters certainly also affect the
depth-dependent cartilage behavior, but are not as fundamental in nature in the knee model
during gait (Halonen et al., 2014) and do not affect compression-tension nonlinearity (which
collagen is causing). If more depth-dependent properties would be included, the depth-wise
results would slightly change but they should not change any of the conclusions with regard
to comparison between different material models.

This study suggests that it is possible to match maximum principal stresses and strains
between non-fibril-reinforced and fibril-reinforced material models in the knee during gait.
Depending on the research question (such as analysis of fibril strain necessitates the use of
fibril-reinforced material models) or clinical demand (fast simulations with simpler material
models), the choice of the material model should be done carefully. As the fibril-reinforced
models usually have longer computation time compared with, e.g., transversely isotropic
elastic models, it can be more desirable to select the material model depending on the
problem at hand and/or what parameters are scientifically or clinically relevant.

Supplementary Material

Refer to Web version on PubMed Central for supplementary material.
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phase of gait in the isotropic elastic (IE), isotropic poroelastic (IPE), transversely isotropic
poroelastic (TIPE) and fibril-reinforced poroelastic (FRPE) models. Values are obtained
using the contact area of the fibril-reinforced model. Material parameters can be found in

Table 1.
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Average maximum principal stresses (a), maximum principal logarithmic strains (b) and

minimum principal logarithmic strains (c) during the stance phase of gait in the transversely
isotropic poroelastic model (TIPE) with two different transverse (in-plane) Young’s moduli
(Ep= 5.8 MPa - literature based, £, = 16MPa - from parametric analysis) and fibril-
reinforced poroelastic (FRPE) model. Material parameters for the models can be found in
Table 1.
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Average maximum principal stresses (a), maximum principal logarithmic strains (b) and
minimum principal logarithmic strains (c) during the stance phase of gait in the depth-
dependent transversely isotropic poroelastic model (dTIPE) with three different transverse
(in-plane) Young’s moduli (superficial zone £, = 5.8 MPa-literature based, middle zone £, =
4 MPa, deep zone £, = 2 MPa; superficial zone £, =20 MPa, middle zone £, = 14.14 MPa,
deep zone £, =7.07 MPa and superficial zone £, = 24 MPa, middle zone £,= 16.97 MPa,
deep zone £, = 8.48 MPa -from parametric analysis) and depth-dependent fibril-reinforced
poroelastic (dFRPE) model. Material parameters for each model can be found in Table 2.
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Cartilage surface

Sagittal plane

Maximum principal logarithmic strains (a) on the cartilage surface (the red line indicates the
location of the sagittal plane image of the tibial cartilage) and (b) in the sagittal plane
(depth-wise distribution) for the 1st peak force of the gait cycle in the depth-dependent
transversely isotropic poroelastic model (dTIPE) with three different transverse (in-plane)
Young’s moduli (superficial zone £, = 5.8 MPa-literature based, middle zone £, =4 MPa,
deep zone £, = 2 MPq; superficial zone £, =20 MPa, middle zone £, = 14.14 MPa, deep
zone £, =7.07 MPa and superficial zone £, = 24 MPa, middle zone £, = 16.97 MPa, deep
zone £, = 8.48 MPa -from parametric analysis) and depth-dependent fibril-reinforced
poroelastic (dFRPE) model. Material parameters for each model can be found in Table 2.
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Material parameters for different material models, /e, isotropic elastic, isotropic poroelastic, transversely
isotropic poroelastic and fibril-reinforced poroelastic models of cartilage and transversely isotropic elastic
meniscus (Danso et al., 2015; Goertzen et al., 1997; Mow et al., 2005; Vaziri et al., 2008).

Material model | Parameter | Cartilage | Meniscus
| | Simulation 1 | Simulation 2.1 | Literature

| sotropic elastic E (MPa) 20.00 - -
(Mow et al., 2005) v(-) 0.49 - -
I sotropic poroelastic E (MPa) 10.00 - -
Mow et al., 2005 Wilson et al., 2004) v(-) 0.15 - -

k(10715 m4/Ns) 1.00 ; .

ey(-) 4.00 - -
Transver sely isotropic poroelastic £, (MPa) 5.80 16.00 159.60

E,(MPa) 0.46 0.46 20.00
(Danso et al., 2014; Elliott et al., 2002; Mow et al., 2005; Vaziri et al., vy =) 0.87 0.42 0.30
2008; Wilson et al., 2004)

Vi (-) 0.03 0.09 0.01

G;(MPa) 250 8.00 50.00

k (10715 m*#/Ns) 1.00 1.00 -

e (-) 4.00 4.00 -
Fibril-reinforced poroelastic Ef(MPa) 5.80 - -

E,,(MPa) 0.46 - -
(Danso et al., 2014; Halonen et al., 2014; Mow et al., 2005; Wilson et al., Vi (<) 0.42 - -
2003; Wilson et al., 2004)

k (10715 m#/Ns) 1.00 - -

ey (-) 4.00 - -

Simulation 1, for the isotropic elastic and isotropic poroelastic models, Young’s moduli were adjusted to match the average contact pressures with
the fibril reinforced model. Parameters in Simulation 1 for the transversely isotropic model are based on the literature. Parameters for isotropic

elastic model: £- Young’s modulus and v~ Poisson’s ratio; isotropic poroelastic: £- Young’s modulus and v~ Poisson’s ratio, A~ permeability and
egr void ratio; transver sely isotropic poroelastic£y- in-plane Young’s modulus, £¢ out-of-plane Young’s modulus, v~ in-plane Poisson’s ratio,

vip- out-of-plane Poisson’s ratio, G out-of-plane shear modulus, - permeability and eg- void ratio; and fibril-reinforced por oelastic£ fibril
network modulus, £y non-fibrillar matrix modulus, v Poisson’s ratio of the non-fibrillar matrix, A-permeability and eg-void ratio. For the
transversely isotropic poroelastic cartilage in Simulation 2.1, v was adjusted so that the material stability conditions were fulfilled (ABAQUS

Documentation, 2013).
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