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Abstract

The material properties of articular cartilage are depth-dependent, i.e. they differ in the
superficial, middle and deep zones. The role of this depth-dependent material inhomogeneity in
the poromechanical response of the knee joint has not been investigated with patient-specific
joint modeling. In the present study, the depth-dependent and site-specific material properties
were incorporated in an anatomically accurate knee model that consisted of the distal femur,
femoral cartilage, menisci, tibial cartilage and proximal tibia. The collagen fibers, proteoglycan
matrix and fluid in articular cartilage and menisci were considered as distinct constituents. The
fluid pressurization in the knee was determined with finite element analysis. The results
demonstrated the influences of the depth-dependent inhomogeneity on the fluid pressurization,
compressive stress, first principal stress and strain along the tissue depth. The depth-dependent
inhomogeneity enhanced the fluid support to loading in the superficial zone by raising the fluid
pressure and lowering the compressive effective stress at the same time. The depth-dependence
also reduced the tensile stress and strain at the cartilage-bone interface. The present 3D modeling
revealed a complex fluid pressurization and 3D stresses that depended on the mechanical contact
and relaxation time, which could not be predicted by existing 2D models from the literature. The
greatest fluid pressure was observed in the medial condyle, regardless of the depth-dependent
inhomogeneity. The results indicated the roles of the tissue inhomogeneity in reducing deep
tissue fractures, protecting the superficial tissue from excessive compressive stress and improving

the lubrication in the joint.

KEYWORDS: Articular cartilage mechanics; Cartilage heterogeneity; Collagen fiber orientation;

Finite element analysis; Fluid pressure; Knee joint mechanics
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Introduction

The major components of articular cartilage are collagen fibers, proteoglycans and synovial fluid
[1, 2]. The compressive and shear stiffness of the tissue are governed by the proteoglycan matrix,
while the tensile stiffness is governed by the collagen fibers. The collagen network also greatly
contributes to the apparent compressive stiffness at fast loading through the fluid pressurization,
which is enhanced by fiber reinforcement [3, 4]. The fluid is also responsible for the
poromechanical behavior of the tissue [5]: the fluid pressure supports up to 90% of applied
compressive loading [6], which reduces to an insignificant level at equilibrium. The cartilaginous
tissues are commonly modeled as biphasic [7, 8].

The structure and properties of cartilage, e.g. fiber orientation and hydraulic permeability,
change along the depth of the tissue from the articular surface to the bone interface [9, 10]. This
change is referred to as depth-dependent material inhomogeneity, or zonal differences. The
superficial zone is composed of fibers parallel to the articular surface, the fibers in the middle
zone are not oriented in a specific direction, and the fibers in the deep zone are mainly
perpendicular to the bone surface [10-12]. The importance of depth-dependent inhomogeneity
has been the subject of experimental and theoretical studies [13-20]. These studies could be
categorized into (1) simplified geometries that pertain to standard testing such as confined and
unconfined compression tests [20], and (2) three-dimensional anatomically accurate geometries
[21].

Concerning the first category, previous studies reported the importance of depth-dependence
in the mechanical behavior of articular cartilage in unconfined compression tests [3, 22, 23]. The
mechanical behavior of cartilage with depth-dependent properties in confined compression was

also investigated simultaneously with unconfined compression [24, 25]. In addition, it was
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reported that the alternation of permeability along the depth affected fluid pressurization and the
mechanical behavior of the tissue [26].

The second category, three-dimensional models of human knee, has been developed to study
the mechanical behavior of the knee in normal and pathological conditions [27-30]. Only two of
the 3D models, however, have considered the material properties in a depth-dependent manner.
The first one was an elastic model without fluid pressure [21]. The second one modeled the fluid
pressure and zonal dependent fiber orientation to investigate the short-term load response [31],
which is virtually elastic. The influence of the depth-dependence may not have been adequately
shown in these two studies because of two reasons. First, the mechanical response of the tissue
associated with the collagen network is more significant when substantial fluid pressure is
present [3, 4, 32]. Second, the poromechanical response was not investigated. A previous study
indicated more significant influence of fiber orientation during early relaxation [33].

Therefore, the objective of the present study was to determine what mechanical parameters
of articular cartilage in the knee were affected by the depth-dependent material inhomogeneity.
We were interested in fluid pressurization and dissipation in the tissues. An MRI-based knee joint
model was used for this purpose. The collagen fibers, depth-dependent inhomogeneity, and fluid
pressure were simultaneously considered for the cartilaginous tissues. In order to understand the
significance of the depth-dependence, the results from the proposed model were compared with
those obtained from a recently published model that did not include the depth-dependence [34].
The proposed model was otherwise the same as the published model: the fiber and fluid phases

were particularly considered in both models.
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Methods

A recently published knee joint model [34] was modified to include depth-dependent material
properties in the femoral cartilage. The proposed model will be referred to as the inhomogeneous
model, because both depth-dependent and site-specific material properties were incorporated. For
the convenience of discussion, the published model will be referred to as the homogeneous
model: it was homogeneous in the direction of the tissue thickness, although the site-specific
material properties were also considered.

In the literature, the continuous variation of the depth-dependence is often characterized with
three distinct zones. The superficial, middle and deep zones contain, respectively, 10%-20%,
40%-60% and almost 30% of the cartilage thickness [35, 36]. For the simplicity of the present
inhomogeneous modeling, the three zones were taken to be approximately 25%, 50% and 25% of
the cartilage thickness. They were further meshed with 2, 4 and 2 layers of elements respectively.
Therefore, there were in total 8 layers of elements in the thickness direction. As the input of the
finite element analysis, the fibers in the superficial zone were assumed to be in split-line
directions [37]; the fibers in the middle zone were randomly distributed along the three
directions, and the fibers in the deep zone were oriented perpendicular to the bone surface.

For the tibial cartilage, complete measurement data of fiber orientation were not found from
the literature, although split-lines in the submeniscal region were arranged in a wheel-spoke
pattern [38]. Therefore, the mechanical properties were assumed the same for all directions, i.e.
no preferred fiber orientation was considered for the tibial cartilage. For the meniscus, the fibers
were incorporated primarily in the circumferential and secondly in the radial directions [39].

The constitutive behavior of the tissues is described by a fibril-reinforced model previously

published [23]. Some equations are included here for the convenience of reading. The total stress
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in the tissue, which is the stress in the mixture, is determined by the fluid pressure, p, and the
effective stress of the solid matrix, ¢

6 =—pl+c™" (1)
where the effective stress consists of the effective stress of the orthotropic fibrillar matrix, ¢, and the
effective stress of the isotropic nonfibrillar matrix defined by the Lamé constants 4 and u

o = el +2ue+o' 2)
where e is the volumetric strain and ¢ is the strain. The fibrillar matrix mimics the collagen
network, while the nonfibrillar matrix mimics the proteoglycan matrix. As a first approximation,

the fibrillar stress is neglected if the tissue is in compression in the fibre direction. The tensile stress in the

fibrillar matrix is determined by [33]
do! =E, de, 3
where EXf is the fibrillar modulus in the x-direction, which aligns in the direction of fibres or primary
fibres. For the case of small fibrillar strains,
E, =EJ+E; ¢ (4)
where Ef and E; are direction- and depth-dependent constants. Replacing x with y and z, respectively,

will derive the corresponding equations for the transverse directions. Obviously, this formula will not be
valid when the tensile strain is large. Fortunately, when cartilage is compressed from the articular surface,
the lateral tensile strain is only a fraction of the compressive strain. Therefore, this simple formula can
approximate moderate compressions.

The Lamé constants 4 and x in equation (2) can be replaced by the Young’s modulus and Poisson’s

ratio, Ey, and w, , of the nonfibrillar matrix. For the inhomogeneous model, the two parameters for

the femoral cartilage were approximated as linear functions of the tissue depth z

E.=E.,(l+a.z/h), v, =V, (1+a,z/h) (5)



10

11

12

13

14

15

16

17

18

19

20

21

22

23

24

where Ifm and ﬁm are respectively the Young’s modulus and Poisson’s ratio at the articular surface; h is

the tissue thickness; o and «, are positive constants. This equation was proposed in a previous study

[23] based on data from the literature [20, 40].

Darcy’s law was used to describe the fluid flow in the tissues. The permeability of the
femoral cartilage was assumed to increase from the superficial zone to middle zone, and then
decrease through the deep zone [9, 26, 41]. The material properties for the tibial cartilage,
menisci and bones were the same as what were used in a previous study [34]. The material
properties for all tissues are summarized in Table 1. When these properties were combined with
the site-specific fiber orientation, the spatial inhomogeneity was incorporated, i.e. both depth-
dependence and site-dependence were considered in the inhomogeneous model.

The surface-to-surface contact (ABAQUS manual) was defined between the following
contact pairs: femoral cartilage (master surface) and meniscus, femoral (master surface) and tibial
cartilages, and tibial cartilage (master surface) and meniscus. Using the TIE option in ABAQUS,
the following tissues were attached to each other at their interfaces: femoral cartilage to femoral
distal surface, and tibial cartilage to tibial proximal surface. The ends of menisci were fixed to the
tibial proximal surface using the TIE option, too.

Pore pressure elements were used to mesh cartilages and menisci, and solid elements were
used to mesh bones. The 20-node hexahedral elements (C3D20P) were used for the femoral
cartilage, and 8-node hexahedral elements (C3D8P) were used for meniscus and tibia cartilage.
This choice had the potential of better fluid pressure results for the femoral cartilage, and yet
good numerical convergence in the contact modeling, since the 20-node elements experienced
more difficulties in the contact convergence than the 8-node elements (as stated in the ABAQUS
manual). The femur and tibia were meshed using 4-node tetrahedral elements to better

approximate the surface geometries of the bones than using the hexahedral elements.
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The soil consolidation procedure in ABAQUS was used to simulate the stress relaxation in
the tissues. The procedure was initially developed for the calculation of soil settlement, but has
been widely used to account for the transient response of biological tissues. A ramp compression
of the knee of 0.5 mm was applied at 0.1 mm/s, and then held unchanged for 400 seconds (stress
relaxation). The bottom of tibia was fixed while the displacement was applied on the top of the
femur. The femur was not constrained in rotations, but its top was constrained against translations
in the transverse plane. The part of distal femur in consideration was 104 mm in height [34].
Therefore, the constraints on the top still allowed considerable sliding between the articulating
surfaces. The fluid pressure was given to be zero at the articular surface, if it was not in contact
with its mating surface.

To assess the role of depth-dependent inhomogeneity on the contact mechanics of the joint,
the homogeneous model was also considered with constant properties along the direction of the
tissue thickness. In the homogeneous model, the fiber orientation in all zones was assumed to be
the same as the split-line direction [37], noting that the split-lines were site-specific. The material
properties for the homogeneous model (Table 2) were chosen so that the reaction forces at

maximum compression were virtually identical for the homogeneous and inhomogeneous models

(Fig. 1).

Results

The results are mainly presented for the femoral cartilage, because the depth-dependent
properties were implemented in this tissue. The total forces obtained from the two models are
very close after careful selection of the material properties for the homogeneous model (Fig. 1).

In our preliminary study, we attempted to match the force at 0.1mm compression using a
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different elastic modulus for the homogeneous model. The two force curves deviated from each
other soon after the ramp compression, resulting in 10% difference at equilibrium (not shown).

The depth variations of short-term and long-term fluid pressures are shown for a central
contact location (Figs. 2a,b). For better understanding of the mechanism of fluid pressurization,
the compressive effective stress is also presented (Figs. 2c,d). The total compressive stress in the
tissue thickness direction is the sum of this stress and the fluid pressure (Equation (1)). In either
model prediction, the depth variation of the compressive stress was opposite to that of fluid
pressure (Figs. 2c vs 2a; 2d vs 2b). For instance, the compressive stress increased with the depth
(Fig. 2d), while the fluid pressure decreased with the depth (Fig. 2b).

The first principal stress and strain are tensile and mainly produced by the lateral expansion
when it is compressed in the perpendicular direction (Figs. 3). However, at the cartilage-bone
interface, they were greatly influenced by the shearing at the interface. So their variations were
different there (Fig. 3). The first principal stress here was calculated from the effective stresses.
This stress must be subtracted by the fluid pressure in order to obtain the total principal stress in
the tissue as a mixture, because the effective stress is now positive but the pressure is negative by
nature (Equation (1)).

The fluid pressure contours are shown for a sagittal section and a coronal section of the
contact region (Figs. 4 & 5). For the case of the inhomogeneous model, the maximum pressure in
each of the contours is shown with the maximum value in the corresponding legend. For the case
of the homogeneous model, the exact value of the maximum pressure is not actually shown in the
figure. They are, therefore, included in the figure captions.

For both model predictions, the fluid pressures in the central contact region were generally
greater in the superficial zone than that in the deep zone (Figs. 6b vs 6a; Fig. 4). However, the

pressures also decayed faster in the superficial zone so that the long-term pressures were more
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uniform along the depth than short-term pressures (Figs. 6, 4 and 5). The maximum fluid pressure
occurred in the medial condyle, regardless the layers and material models that were considered

(Figs. 7 & 8).

Discussion

The depth-dependent material inhomogeneity enhanced the fluid pressure and pressure gradient
in the superficial zone of the contact region with less significant influence on the pressurization in
the middle and deep zones. This is observed when the fluid pressures predicted by the
inhomogeneous and homogeneous models are compared (Figs. 2ab, 4 & 5). With the
inhomogeneous material properties, fiber orientations in the tissue are favorable to the fluid
pressurization in the superficial zone. Our results are consistent with what has been reported for
tissue discs under uniform compression [3] and for a hexahedral tissue block under indentation
[33]. Our results also support qualitatively the conclusion from an independent study [42] that
inhomogeneous cartilage properties enhance superficial interstitial fluid support. However, both
our homogeneous and inhomogeneous models predicted slightly higher pressures in the
superficial layer of the central contact region as compared to that in the deep layer. In the
reported study [42], the homogeneous model predicted a lower fluid pressure in the superficial
layer as compared to that in the deep zone, while the inhomogeneous model predicted similar
fluid pressures in the superficial and deep layers. This difference in the depth-varying fluid
pressures could have been produced by the different contact geometries and constitutive models
considered in the two studies. In the reported study [42], the indentation of a flat piece of tissue
with a spherical indentor was simulated using the conewise linear elastic constitutive model. In
the present study, a more realistic knee joint contact was simulated including the menisci. The

use of a fibril-reinforced constitutive model in the present study should also have highlighted the
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role of the collagen network in the fluid pressurization in the tissue. It must be noted that the
depth variation of the fluid pressure is different in other regions. For example, the surface
pressure is close to zero at the border of the contact region, but higher in the deep layers there
(Figs 4 and 5).

Articular cartilage in situ exhibited more complex behavior than the explants in vitro. The
present 3D modeling revealed a complex fluid pressurization and 3D stresses that depended on
the mechanical contact and relaxation time, which could not be predicted by existing 2D models
from the literature. The depth-varying fluid pressure in the outer contact region and noncontact
region were different from that in the central contact region (Figs. 4 and 5). The pressure
distribution in the sagittal plane was different from that in the coronal plane (Figs. 4 and 5).
Furthermore, the depth-varying fluid pressure altered with stress relaxation (the results for 5s vs
400s in Fig. 4 or 5). Both the magnitude and distribution of the fluid pressure were less sensitive
to the depth-dependent inhomogeneity at longer times (Figs. 2b, 2d, 4b & 5b, 400s). The tensile
strain was the highest in the superficial zone (Fig. 3c,d), which cannot be modeled using a
cartilage disk [23] because of the differences in boundary conditions. Optical measurement with
tissue disks showed maximum tensile strain in the deep layer, and smallest in the superficial layer
[48].

The stresses in the tissue matrix were modulated by the fluid pressurization [49,50]. A raised
fluid pressure in the superficial zone reduced the effective stress in the tissue matrix - the depth
variation of the compressive stress was opposite to that of fluid pressure (Fig. 2). This fluid
pressure mechanism is believed to protect the tissue matrix from excessive stresses. The material
inhomogeneity enhanced this mechanism. When it is not pressurized, the superficial tissue is
softer than the deeper tissue, which is favorable for joint motion. The raised fluid pressure in the

superficial zone enhanced the load support of the softer tissue in the superficial zone. In general,
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the ratio of the fluid pressure to solid stress in the superficial zone was higher in the
inhomogeneous model than the homogeneous one (Figs. 2a vs 2c¢; 2b vs 2d), which implied
reduced frictions by the depth-dependent material inhomogeneity [43-46].

The depth-dependent material inhomogeneity caused a stress concentration between the
superficial and middle zones (Fig. 3a,b). This must be partially produced by the implementation
of discontinuous material properties there, especially the change in the collagen fiber orientation.
In reality, however, there is no distinct boundary between the two zones. Therefore, the stress
there must have been overestimated. A more accurate prediction requires the implementation of
material properties that continuously vary over the tissue thickness. The first principal strain,
however, monotonically reduced with the tissue depth until the cartilage-bone interface (Fig.
3c,d). The maximum tensile strain in the deep zone was less than half of that in the superficial
zone. These results might indicate that the zonal differences protected the deep layers and
cartilage-bone interface from excessive stress and strain (Fig. 3), which was in line with the in
vitro result that superficial layers played a protective role for deep layers [26]. The deep layer
fractures occurred frequently [47]. Normal depth-dependent properties may reduce the
occurrence of the fractures.

The fluid pressure distribution within a cartilage layer parallel to the articular surface was
similar in pattern for the homogenous and inhomogeneous models (Figs. 8 vs 7), but somewhat
dependent on the relaxation time (not shown). The distribution was determined by the site-
specific fiber orientation which were the same in the two material models. These results indicate
the possibility of using the homogeneous model (which is homogenous in the depth direction but
site-specific) to predict certain mechanical responses of the knee, as long as these differences are
taken into consideration when the results are interpreted. When a homogeneous model was used,

4 layers of elements yielded fast converged results [34].

12
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A few limitations exist in the current modeling. First, only 8 layers of elements were used in
the present study, which was not accurate enough for describing the large depth variations in
stresses and pressures (Figs. 2 & 3). This limitation might have produced some numerical errors
in variables with large gradients in the tissue thickness direction, such as stress concentrations
(Fig. 3a,b). When more layers of elements were used, however, we experienced extremely slow
numerical convergence with the very thin elements. It was not simply the issue with the increased
degrees of freedom, but more trouble with the tolerance of contact convergence. The use of 8
layers of elements gave us some quality results, although smoother depth variations would be
obtained, if more layers were meshed in the tissue thickness direction. Furthermore, accurate
representation of the depth variations requires the segmentation of the three zones with intensive
imaging analysis, although such techniques are available [51].

Another limitation of the study was the use of non-physiological loading, which made it
possible to obtain some simple results. Furthermore, we have simulated stress relaxation other
than creep loading in order to speed up the computation, because a creep testing would take much
more time to complete [52,53]. For the sake of fast convergence as well, the ramp compression
was applied in 5s rather than in a shorter, realistic time (0.5-1s). Therefore, the fluid pressure and
the tensile stresses have been underestimated. Even with these simplifications, it took
approximately one month to complete a single computation. Our current goal is to understand the
fundamental mechanism of the poromechanical response of the knee joint. We wish to determine
the mechanics under simple loadings and gain experiences in this type of modeling before
moving to more realistic problems. These simplifications do not seem to compromise this goal.

The use of a small deformation theory is another key factor leading to reduced convergence
complexities. In a previous study [54], the sensitivity of three nonlinear factors to the load

response was investigated, i.e. nonlinear fibrillar property, nonlinear permeability and large
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deformation. It was found that the combined effect of nonlinear permeability and large
deformation on the results was not nearly as significant as that of the nonlinear fibrillar property.
The model was able to describe experimental data only when the nonlinear fibrillar property was
considered. Therefore, the effect of large deformation was ignored but the fibrillar nonlinearity
was considered in the present study. However, this simplification will only affect the magnitudes
of the results, e.g. the predicted fluid pressure could be somewhat underestimated. The qualitative
results and conclusion would remain the same, should a large deformation theory be used.

The constitutive model used in the present study has been previously validated against
multiple experimental data in unconfined compression and tensile testing, such as simultaneous
prediction of creep and relaxation in unconfined compression [52]. The tissue model was able to
account for the great ratios of the transient versus equilibrium load responses observed in
experiments [52,54]. The strong transient response is believed to be caused by the interplay
between fibril reinforcement and fluid pressurization [54,55]. Therefore, collagen fibers and fluid
pressure were incorporated in the present knee model. Collagen fibril reinforcement, however,
must be interpreted as a mathematical approximation of the complex structure of the tissues.

Published studies on the mechanical behavior of articular cartilage associated with the zonal
differences were limited to either simple explants geometries with the inclusion of fluid pressure
[22, 25, 42], or realistic knee contact geometry with elastic or nearly elastic response [21, 31].
We have implemented the depth-dependent material inhomogeneity in an anatomically accurate
knee contact model including the fluid flow and pressure, as well as the site-specific fiber
orientation. The poromechanical response of the knee joint was also investigated. Some of the
present results were qualitatively similar to those obtained from the explants, e.g. the depth-
dependent material inhomogeneity enhanced the fluid pressurization in the superficial zone [42].

Other results, such as the 3D fluid pressures and 3D stress concentrations, as well as the spatial

14
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distribution of tensile strain reduction at the cartilage-bone interface, could only be obtained
using the current 3D modeling. These findings may be applied in the studies of osteoarthritis and
cartilage tissue engineering [6], after the modeling has been extended with more realistic

loadings.
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Table 1. Material properties for all tissues used in the inhomogeneous model (Modulus: MPa;

Permeability: 10 mm*/Ns). The x is the primary fiber direction, i.e. the split-line direction for the

superficial zone, the depth direction for the deep zone, and the circumferential direction for the

meniscus. The y and z are perpendicular to the primary fiber direction in the local coordinate

system. The material properties in the y and z directions are assumed to be the same. Thus a

symbol, y/z, is used to denote either y or z direction.

Fibrillar matrix Nonfibrillar matrix Permeability
Tissue E, E, E, v X yIz
Deep 3+1600¢; 0.9+480sy;, 0.80 0.36 1.0 0.5
Eaerr::g;é Middle 2+410005 | 2+1000s, 060 | 030 | 30 | 1.0
Superficial | 4+2200& 1.2+660sy, 0.20 0.16 1.0 0.5
Tibial cartilage 2+1000s, 2+10008; 0.26 0.36 2.0 1.0
Menisci 28 5 0.50 0.36 2.0 1.0
Bones E = 5000 v=0.30
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Table 2. Material properties for the femoral cartilage in the homogeneous model (Modulus: MPa;

Permeability: 10mm®*/Ns). The x is the primary fiber direction. The properties for the tibial

cartilage, menisci and bones are the same as shown in Table 1 for the inhomogeneous model.

Fibrillar matrix Nonfibrillar matrix | Permeability
Tissue E, Ey E,. v X yiz
Femoral cartilage 3+16004 0.9+480sy, 0.55 0.36 2.0 1.0
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Figure Captions

Fig 1. Total reaction force in the knee joint as a function of time. A ramp compression of 500um
was applied in 5s followed by relaxation. The material properties for the homogeneous model
were chosen so that the corresponding force obtained was the same as that predicted by the

inhomogeneous model at 500um compression, as marked by the star.

Fig 2. Variation of fluid pressure and compressive stress (MPa) along the depth of the femoral
cartilage, shown for a location in the central contact region of the lateral condyle. The
compressive stress refers to the normal stress of the matrix in the direction of cartilage thickness
(positive = compressive). Results were calculated at the centroids of the elements (middle of each
layer of elements). The depth is normalized by the thickness (0 = articular surface; 1 = bone

interface).

Fig 3. First principal stress or strain along the depth of the femoral cartilage, shown for a location
in the central contact region of the lateral condyle (positive = tensile). Results were calculated at
the centroids of the elements (middle of each layer of elements). The depth is normalized by the

thickness (0 = articular surface; 1 = bone interface).

Fig. 4. Fluid pressure in the sagittal plane of the femoral cartilage that is cut through the medial
condyle. (a) at 20 s, and (b) at 400 s. The articular surface is shown at the bottom side; the
posterior side is on the left. For the homogeneous case, the maximum pressures at 20 and 400s

were 1.617 and 0.459 MPa respectively.

Fig. 5. Fluid pressure in the coronal plane of the femoral cartilage that is cut through the medial

condyle only. (a) at 20 s, and (b) at 400 s. The articular surface is shown at the bottom side; the
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lateral side is on the left. For the homogeneous case, the maximum pressures at 20 and 400 s

were 1.617 and 0.590 MPa respectively.

Fig. 6. Maximum fluid pressure in a given layer of elements. (a) at the normalized depth of 13/16
(center of the 7" layer, deep zone), and (b) at the normalized depth of 3/16 (center of 2™ layer,
superficial zone). The peak value shown in (a) are 1.676 and 1.657 MPa, respectively, for the
inhomogeneous and homogeneous cases; the peak values shown in (b) are 1.880 and 1.758 MPa,

respectively, for the inhomogeneous and homogeneous cases.

Fig. 7. Fluid pressure at 100 s as predicted by the inhomogeneous model at the normalized depth

of (a) 13/16, and (b) 3/16 (0 = articular surface).

Fig. 8. Fluid pressure at 100 s as predicted by the homogeneous model at the normalized depth of

(@) 13/16, and (b) 3/16 (0 = articular surface).
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