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Abstract

A focal cartilage defect involves tissue loss or rupture. Altered mechanics in the affected joint
may play an essential role in the onset and progression of osteoarthritis. The objective of the
present study was to determine the compromised load support in the human knee joint during
defect progression from the cartilage surface to the cartilage-bone interface. Ten normal and
defect cases were simulated with a previously tested 3D finite element model of the knee. The
focal defects were considered in both condyles within high load-bearing regions. Fluid
pressurization, anisotropic fibril-reinforcement, and depth-dependent mechanical properties were
considered for the articular cartilages and menisci. The results showed that a small cartilage
defect could cause 25% reduction in the load support of the knee joint due to a reduced capacity
of fluid pressurization in the defect cartilage. A partial-thickness defect could cause a fluid
pressure decrease or increase in the remaining underlying cartilage depending on the defect
depth. A cartilage defect also increased the shear strain at the cartilage-bone interface, which was
more significant with a full-thickness defect. The effect of cartilage defect on the fluid
pressurization also depended on the defect sites and contact conditions. In conclusion, a focal
cartilage defect causes a fluid-pressure dependent load reallocation and a compromised load

support in the joint, which depend on the defect depth, site and contact condition.

Keywords: Articular cartilage mechanics, Cartilage focal defect, Finite element analysis, Fluid

pressure, Knee joint mechanics
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Nomenclature

For the simplicity of description, these terms are defined with specific meaning. Force control:
when a force is applied at a constant rate followed by creep; Displacement control: when a
displacement is applied at a constant rate followed by relaxation; Short-term: the phase during
which a force or displacement is being applied; Long-term: the time when significant relaxation

or creep has occurred.

1. Introduction

Osteoarthritis (OA) is a leading cause of disability among the elderly, and the most prevalent
joint disease in the USA [1]. OA may start from the surface of articular cartilage, and attack
deeper layers until it reaches the bone [2,3]. Once the deep zone of cartilage is damaged, bone is
exposed to the joint contact, leading to increased friction and reduced mobility of the joint. The
knee joint has the highest prevalence of OA [4,5]. The cost of knee OA has been high and is
expected to remain high for at least two decades because of the aging of our population [6].

OA is associated with perturbations in the composition and structure of articular cartilage
[7,8,9]. Cartilage is composed of a collagen fiber network, proteoglycan matrix and a fluid [10].
For the convenience of description, cartilage is often divided into 3 distinct zones: superficial,
middle, and deep zones [10]. The collagen fibers are mostly parallel to the surface in the
superficial zone, randomly-oriented in the middle zone, and perpendicular to the cartilage-bone
interface in the deep zone. These differences in fiber orientation and other zonal differences play
important roles in the load support of cartilage and in the preservation of tissue integrity [3].

Fluid pressurization in cartilages and menisci is believed to play an essential role in the
mechanics of the knee. It lubricates the joint and prevents cartilage matrix from excessive

loading [11-13]. Fluid pressure contributes to load support of the joint at different scales during
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different loading phases [14-16]. For example, the load applied to the knee joint during running
produces a high fluid pressure whereas prolonged standing causes a continuous reduction in fluid
pressure in cartilage and menisci. Substantial loading is transferred to the tissue matrices when
the fluid pressure diminishes. The alteration in fluid pressurization is one of the symptoms in
early OA [17,18]. However, the change of fluid pressure in situ as a function of loading time or
disease process has not been adequately quantified in the literature due to experimental and
modeling difficulties. In a recent study, the contact mechanics of the knee joint was investigated
in the presence of cartilage degeneration with alterations in mechanical properties including fiber
orientation [19]. That study, however, only took into consideration the short-term behavior of the
knee joint. Moreover, it did not consider the fluid pressure in menisci and the full depth-
dependent properties of cartilage.

Parameters such as defect depth, size, location, and altered tissue properties may influence
the interplay between defect progression and fluid-pressure dependent load support [20-23].
Experimental studies encounter difficulties when investigating the effect of each of these
parameters, because the consequence of each parameter is difficult to differentiate as they often
evolve simultaneously. Numerical simulation is advantageous in determining the role of each
parameter in the progression of OA [24,25]. The effect of defect size in the mechanics of the
knee joint was reported using an elastic model [26,27] and thus the fluid pressure was not
considered. The mechanics of cartilage defect has also been investigated with explants
geometries [28] instead of realistic knee contact geometries.

The defect depth is a criterion to categorize the severity of a cartilage defect [20, 22]. For
example, the International Cartilage Repair Society has a classification system for cartilage

defect which is based on the depth-wise progression of the defect from the cartilage surface to
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the cartilage-bone interface [20]. Therefore, the objective of the present study was to determine
the alteration in fluid pressurization in articular cartilage and thus the compromised load support
in the human knee joint during the depth-wise defect progression. We used realistic knee
geometry reconstructed from magnetic resonance imaging (MRI) to clarify both short- and long-

term load support of the knee in order to understand the degenerative mechanics of the joint.

2. Methods
2.1. Model Construction and Mesh
MRI of sagittal planes was obtained from a normal right knee of a male subject who was 27
years old with no injury. High resolution steady-state free precision sequences were used
(distance between 2 neighboring images: 0.6 mm; size 22x22 cm, 512x512 pixels). The
geometry of the knee joint was reconstructed using Mimics (Materialise, Leuven, Belgium). A
short description of the method can be found in a review paper [29]. Briefly, the contrast of
images was adjusted to improve appearance after the images were imported into Mimics.
Segmentation was then performed to identify the boundaries for each tissue. A tool called “3D
live wire” was used to identify the bone boundaries, while the tools “thresholding” and manual
editing were used to identify the boundaries of cartilages and menisci. The geometries initially
constructed were then refined using smoothing and wrapping tools to ensure the tissues were
segmented precisely. Finally, an automatic smoothing procedure was performed to eliminate
minor artifacts.

A finite element mesh was then generated, comprising of femur, femoral cartilage, menisci,
tibial cartilage, and tibia [30,31]. Hexahedral pore pressure elements were used for the

cartilaginous tissues, including 37537 elements for cartilages and 3424 for menisci. In order to
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model the depth-wise defect progression, eight layers of elements were used for the femoral
cartilage, resulting in thin elements (~0.25mm thick for most of these elements; smallest
thickness 0.063mm, normally at the edge which is unloaded region; largest length 2.8 1mm).

2.2. Modeling Approaches and Boundary Conditions

The constitutive laws for the cartilaginous tissues, including all cartilages and menisci, were
custom-coded with a user defined material model (UMAT in ABAQUS 6.10, Simulia,
Providence, USA). The cartilaginous tissues were considered as fluid-saturated materials
reinforced by a nonlinear fiber network, using a previously developed fibril-reinforced model of
cartilage [14]. This previously validated constitutive model was used because it highlights fluid-
pressure induced strong creep and relaxation [32,33]. The nonlinear tensile properties of the fiber
network were explicitly implemented to account for the interplay of the nonlinear fibril
reinforcement and fluid pressurization in the tissue [14]. The depth-varying tissue properties and
fiber orientation of the femoral cartilage were also incorporated in the joint model as per a recent
study [34]. The femur and tibia were modeled as linearly elastic, because the stiffness of the
bones is 3 orders of magnitude higher than that of the cartilaginous tissues (thus their
nonlinearity and poromechanical response are negligible when compared to that of cartilage and
meniscus). The material properties are summarized in Table 1.

The contact mechanics of the knee was modeled using the surface-to-surface contact
approach in ABAQUS. The penalty method was used to enforce the contact constraint. Six
contact pairs were defined with 3 on the medial and 3 on the lateral sides. They modeled the
actual contacts between femoral and tibial cartilage, femoral cartilage and menisci, and tibial

cartilage and menisci. The femoral cartilage was fixed to the femur, and the tibial cartilage was
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fixed to the tibia using the TIE CONTACT in ABAQUS. Menisci were fixed to the tibia at both
ends to mimic the constraints applied by the posterior and anterior horns.

The boundary conditions were the same for all cases: the bottom of the tibia was fixed, and
the top of femur was restrained from horizontal displacements. These constraints confined rigid-
body motions. The fluid pressure boundary conditions were given as follows: the fluid pressure
was zero on the free articular surface, whereas no fluid flow was assumed to cross the contact
surface.

A comprehensive numerical verification has been previously performed on the joint model,
including mesh convergence, sensitivity of material properties and parameters of numerical
procedures [30,31,34].

2.3. Case Studies
Ten cases were investigated with finite element simulations in order to determine the effect of
the defect site and depth, defect contact condition and loading protocol (Table 2).

Cartilage defects can be developed at different sites [23,35]. We focused on the depth-wise
progression of defect in the medial condyle as it is more vulnerable to lesions than the lateral
condyle [36-38]. Three types of cartilage defects were considered: (1) Superficial defect refers to
tissue loss in the superficial zone only; (2) Middle defect refers to the loss in the superficial and
middle zones; and (3) Deep defect refers to the complete loss in all 3 zones (full-thickness
defect). A superficial defect in the lateral condyle was also examined for comparison with that in
the medial condyle. The defect size was approximately 12x12 mm® (= 144 mm?, Fig. 1), which
was close to the mean defect size of 210 mm? observed from 1000 knee arthroscopies [39].

The contact conditions of the defect to its mating surface were also modeled. Although the

tissue lost its thickness with the 3 types of defects, it is still possible for partial contact to occur
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between the defect and its mating surface, as a result of very low stiffness and small thickness of
cartilage (2-3mm tissue thickness comparing to 12x12mm”* defect size). Patients tend to adjust
their gait to ease pains when OA develops [40]. It is therefore also possible the defect would lose
its contact with its mating surface. Hence, both scenarios, defect contact and non-contact, were
modeled respectively. The extent of contact is determined automatically in ABAQUS as per the
stress and strain state.

Two loading conditions were considered: (1) Ramp compression of 500 um applied in 5s
followed by relaxation; and (2) Ramp compressive force of 387.76 N applied in 5s followed by
creep. This force was taken to be the same as obtained at the end of the 500 um compression.
The relaxation loading was used to understand the fundamental mechanism of the mechanical
function of the knee joint, because the results from stress relaxation are easier to interpret. Creep
loading was also simulated because creep is often considered a more realistic form of joint
loading [41]. In either case, the compressive displacement or force was applied at the top of the

femur while the knee was in full extension.

3. Results

For the same knee compression (displacement control), a decreased fluid pressure was observed
in the remaining underlying cartilage in the case of the superficial defect as compared to the
normal case (Fig. 1b vs la, at 5s). However, a raised pressure in the underlying cartilage was
seen in the case of middle defect (Fig. 1c vs la). In these defect cases (Cases 2-4), a defect
contact was assumed. On the other hand, the fluid pressure in the defective cartilage decreased
with defect depth as expected (results not shown), when the defective tissue lost contact with its

mating surface (Cases 6 & 7).



10

11

12

13

14

15

16

17

18

19

20

21

22

23

The short-term surface fluid pressure (Fig. 2a,b,c,d) in the vicinity of the defect region (in
the unaffected tissue) decreased with the defect depth; a redistribution of the fluid pressure was
more obvious when the defect was progressed to full-thickness. The long-term fluid pressure
(Fig. 2e,f,g,h) experienced less alteration with the defect. Surprisingly, the alteration in the long-
term pressure distribution was slightly more obvious with the middle defect (Fig. 2g).
Furthermore, the fluid pressure in the lateral condyle was not obviously affected by the defect in
the medial condyle (Fig. 1). Therefore, the results are shown for the medial condyle only in Fig.
2. The depth variation of the pressure was also altered with the defect (Fig. 3).

The reaction force of the affected joint could increase above or decrease below the normal
value depending on the defect contact condition and relaxation time; the peak load in the joint
varied over 25% with the cases (Fig. 4, displacement control). When the defect contact indeed
occurred (Cases 2-4), the short-term reaction force was the highest in the case of middle defect,
but the long-term reaction force reduced with the defect depth (Fig. 4a). When the defect contact
did not occur (Cases 6-7), the reaction force was virtually the same for the 2 affected cases,
which was also close to the reaction force predicted for Case 4 (Fig. 4b). These results also
indicated that fluid pressure in cartilages and menisci could support roughly 2/3 of the joint load
(Fig 4, short-term compares to long-term response).

A cartilage defect in the lateral condyle altered the fluid pressure more than a defect in the
medial condyle (Fig. 5a,b,c). Two high pressure regions were produced in the lateral condyle due
to the defect in that condyle (Fig.5¢) as compared to one high pressure region in the normal case
(Fig. 5a). For the cases of force control (Fig. 5d,e,f), the increase in the fluid pressure in the
remaining underlying cartilage was more obvious than that of the displacement control,

especially for the defect in the lateral condyle (Fig. 5f vs 5e or 5d).
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The shear strain component in the cartilage-bone interface increased with the defect depth
(Fig. 6). The superficial defect did not cause noticeable change in the shear strain. However, the
middle and deep defects produced obvious changes in the shear strain both in magnitude and
distribution. The location of peak shear strain moved towards the rim of the defect as the defect

advanced to the deeper layer.

4. Discussion
A redistribution of the fluid pressure has been observed in the defect region and its vicinity (Figs.
1-3, 5-6), resulting in a load reallocation in the joint during fluid pressurization. Generally
speaking, the load support of articular cartilage was weakened in the vicinity of the defect due to
a reduced fluid pressure support in the tissue (Fig. 2). The remaining underlying cartilage at the
defect, however, could be more pressurized (Fig. 1c vs 1a), when the defect was in contact with
its mating surface. In the case of displacement control, a weakened load support meant a
decreased fluid pressure in the vicinity of the defect, as compared to normal joint. Furthermore,
the fluid pressure decreased with the defect depth (Fig. 2). In the case of force control, a
weakened capacity in fluid pressurization required increased compression to raise the fluid
pressure in the vicinity of the defect (Fig. 5d,e.f), in order to maintain the load support in the
joint. Therefore, the creep and relaxation responses were reasonably related although they
appeared different.

The load support of the knee joint, as indicated by the reaction force under a given
compression, could be lowered by 25% due to the focal defect (Fig. 4). This means if the person
is to maintain the same knee compression in the affected joint as in the normal joint, he/she must

shift some load from the affected leg to the normal leg. The normal joint may then be somewhat
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overloaded. Otherwise, the affected joint must be subjected to a substantially larger knee
compression in order to maintain the same level load support in both joints. Therefore, cartilages
and menisci in the affected joint may experience abnormally large deformation. Both scenarios
may have detrimental impact on the future joint health.

The reduced capacity in fluid pressurization was not obviously seen in the case of creep
(Fig. 5d,e,f) due to the same force being maintained in the normal and affected joints, as
mentioned above. In other words, larger compressive displacement must be produced in the
affected joint in order to support the same reaction force as that of the normal joint. In fact, a
higher peak fluid pressure was seen in creep than in relaxation for the normal joint (Fig. 5d vs
5a), although the same force was applied in 5s in both creep and relaxation (Fig. 7). This
phenomenon can be explained by the overall nonlinear response of the knee [42] and strain-rate
dependent response of articular cartilage [32]. For the case of relaxation, the compression rate
(displacement/time) was constant, corresponding to a lower loading rate (force/time) at the
beginning and a higher loading rate at the end of the loading phase (Fig. 7). For the case of creep,
however, the loading rate was constant during the loading phase, resulting in a higher
compression rate at the beginning (but a lower compression rate at the end) of the loading phase
as compared to the case of relaxation. The faster early compression produced a higher fluid
pressure (as compared to the case of relaxation) during the early loading phase due to the strain-
rate dependence of cartilage [32]. This higher fluid pressure did not have sufficient time to
diminish although the compression was slowed down in the late loading phase. Therefore, we see
a higher peak fluid pressure in creep than in relaxation even though the reaction forces were

identical at the end of the loading phase.
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As indicated above, the creep behavior is often more difficult to interpret than the relaxation
behavior. Furthermore, creep modeling requires much more computing time than relaxation
modeling (it took one month or longer computing time for a complete creep simulation). This is
because a faster increasing fluid pressure in creep results in a slower numerical convergence and
secondly, creep takes much longer time to reach its equilibrium [33]. On the other hand, a creep
response can be qualitatively derived from the relaxation behavior, although they may look
different (a mapping exists between the creep and relaxation responses). Therefore, the present
study focused on the stress relaxation behavior of the knee joint while the creep response was
also modeled.

The contact condition at the defect made a substantial difference in the load support of the
knee joint although the defect size was small (Fig. 4). The remaining underlying cartilage at the
defect still supported substantial loading when it was in contact with its mating surface (Fig. 4a,
Cases 2 & 3 compared to Case 1). The reaction force in the affected knee was considerably
lower, if the remaining underlying cartilage lost contact with its mating surface, even if the rest
of the normal surfaces remained in contact (Fig. 4, Cases 6 & 7 vs Cases 2 & 3). Therefore, a
slight gait adjustment by the OA patient would substantially change the load support in the joint.
This result may be practically interesting, because people tend to adjust their gait to reduce pains
after they developed OA [40].

The effect of cartilage defect on the fluid pressurization was also dependent on the defect
site (Fig. 5). More results for the medial defect are presented in this paper, because the chosen
region in the medial condyle is considered more vulnerable to the development of lesions [36-

38].
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The effect of cartilage defect on the fluid pressurization diminished with relaxation and
creep time (Fig. 2e,f,g,h; Fig. 4), which was expected as fluid pressurization in the tissue decays
with stress relaxation and creep. However, one would still expect the adverse impact of the
defect on the long-term stresses and strains of the tissue matrix, as we see that the shear strains in
the region increased with the defect depth (Fig. 6). This escalated shear strain may increase the
chances of OA following a microfracture at the cartilage-bone interface [43-45], which agrees
with previous studies on the importance of the tissue integrity [46,47]. The experimental
measurements also showed time-dependent strains in the knee joint [48,49]. The time dependent
mechanical response associated with fluid pressurization has gained increased attention in the
joint modeling [49-54]. Published studies include modeling human knee joints using simplified
axisymmetric geometries to reduce convergence difficulties and computing time [50,51]. The
fluid pressure in human hip joints was also investigated [52,53]. Cartilage repair with a metal
implant was simulated using a sheep knee model with a 3D simplified geometry and no meniscus
[54]. All these studies have demonstrated, from different aspects, the essential role of fluid
pressurization in the mechanical function of the normal and repaired joints.

The effects of focal cartilage defect on fluid pressure load support investigated here were
somewhat similar to that of cartilage degeneration investigated previously [55]. Both caused the
reduced capacity of fluid pressurization in the vicinity of the affected tissue; and the reductions
were positively correlated to the depth of the defect or degeneration. However, a partial cartilage
defect did not necessarily cause a fluid pressure reduction in the remaining underlying layers
(Figs. 1 & 5f), as it occurred in cartilage degeneration. For example, when compared to the
normal case, a degeneration advancing to the middle zone caused a reduced fluid pressure in the

deep zone [55], but a defect advancing to the middle zone produced a higher fluid pressure in the
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deep zone (Fig. 1c). Furthermore, a substantially compromised load support in the knee joint was
found in the present study on the cartilage defect.

The major limitation of the present study was the use of simple physiological loadings,
which were relatively small (< 400 N) and slowly applied to the joint (5 s). These loading
protocols were used to avoid slow numerical convergence so the computing time was limited to
approximately 2 weeks in most cases (4 CPUs on WestGrid high performance computing
network). While the fluid pressures obtained were still low (0-4 MPa), they were close to the
measured contact pressures (0-10 MPa) in the knee joints. Therefore, the results presented here
are still practically interesting. Furthermore, the qualitative results would generally remain the
same, if larger and faster loadings were used. On the other hand, varus/valgus rotations,
flexion/extension, and internal/external torsions of the knee would substantially affect the contact
mechanics of the knee joint, but the relevant topics were not within the scope of the present
study. It must also be pointed out that the errors from geometrical reconstructions of the knee
were not assessed in the present study. However, we believe such errors are minimal when
advanced software such as Mimics is used with maximum care. The sensitivity of geometrical
constructions has been studied by other groups [56].

In summary, focal cartilage defects substantially reduce the capacity of fluid pressurization
in articular cartilage and subsequently compromise the load support in the joint. A redistribution
of the fluid pressure occurs in the defect region and its vicinity, resulting in a load reallocation in
the joint. The effect of cartilage defect on the load support of the joint diminished with relaxation
and creep time, indicating the important role of the fluid pressurization that could support 2/3 of
the joint load. Cartilage defects also increased the shear strain at the cartilage-bone interface.

Furthermore, load-bearing characteristics of the knee joint deteriorate with the defect depth of

14
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articular cartilage. The altered mechanics of the knee are also influenced by the sites of defects
and the contact conditions in the defect regions. This compromised fluid-pressure dependent load
support in the knee due to focal cartilage defect may have an implication on the onset and

progression of OA.
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Table 1. Material properties for all tissues (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 for articular cartilage, and the circumferential direction for the meniscus. The y
and z are normal to the primary fiber direction. The properties are the same in the y and z
directions. For simplicity, the superficial, middle and deep zones were taken to be approximately
25%, 50% and 25% of the cartilage thickness [34]. The permeability is defined in Darcy’s law.

The coefficient of surface friction is 0.02.

Fibrillar matrix Nonfibrillar matrix Permeability
Tissue = Eyor E; En Um Ky ky or k,
Deep 3 +1600&, | 0.9 +480¢,,, | 0.80 0.36 1.0 0.5
Femoral | “°"°
cartilage | \figdle | 2+ 1000, | 2+ 1000, | 060 | 030 | 3.0 1.0
zone
Superficial | 4 + 2200, | 1.2+ 660¢,,,, | 0.20 0.16 1.0 0.5
zone
Tibial cartilage 2+ 1000, | 2+ 1000¢,,, 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. Ten cases investigated in the present study. Three cartilage conditions were considered:
normal cartilage, defects in the medial and lateral condyles, respectively; three defect depths
were also assumed for the medial condyle defect: the defect in the superficial zone only, the
defect up to the middle zone and the defect up to the deep zone. Both force and displacement
controls were simulated. In Cases 6 and 7, no contact was assumed between the defect and its

mating surface.

Loading Normal Medial condyle defect Lateral condyle defect

conditions cartilage
Superficial Middle Deep Superficial

Displacement Case 1 Defect Case2 Case3 Case4 Case5s
control contact
(Relaxation)

Nodefect  caceg  Case7?

contact
Force control Case 8 Defect Case 9 Case 10
(Creep) contact
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(a)Case 1 (b) Case 2

%) &)

Fluid Pressure (MPa)
3.757
(c) Case 3 E 2.685 (d) Case 4

’»\‘51

0.543
Fig. 1. Surface fluid pressure in the femoral cartilage at 500um knee compression prior to

-0.529

relaxation (at 5s), showing for the layer of 1/16 depth. For cases of the partial-thickness defect,
the fluid pressure in the remaining underlying cartilage is shown for the new surface layer, i.e. at
the 5/16 (Case 2) and 13/16 (Case 3) depth respectively (shown in the insets). The depth is
normalized by the thickness of cartilage prior to defect (0 = articular surface; 1 = cartilage/bone
interface). This is an inferior view of the right knee, i.e. the medial condyle is on the right. Case

1: Normal cartilage; Case 2: Superficial defect; Case 3: Middle defect; Case 4: Deep defect.
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Fluid pressure (MPa)
(a) Casel (b) Case 2 (c) Case3 (d) Case 4

9%

(e) Case 1 (f) Case?2 (g) Case3 (h) Case 4

Short term

2.045
1.500
0.954
0.409
-0.136

Long term

0.322
0.222
0.128
0.035
-0.060

Fig. 2. Surface fluid pressure in the medial condyle at 500um knee compression prior to

relaxation (Short term: 2a, 2b, 2¢, 2d) and at 1000s relaxation (Long term: 2e, 2f, 2g, 2h). Defect

contact was assumed in the 3 affected cases (Cases 2-4). The defect region is blanked out.
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Fluid Pressure (MPa)

(a)Case 1

2.045
1.500
0.954 (b) Case 6
0.409
-0.136

(c) Case 7

Fig. 3. Fluid pressure in a sagittal plane of the femoral cartilage at 500pum compression prior to
relaxation, shown for the high load-bearing region of the medial condyle. (a) Normal cartilage
(Case 1), (b) Superficial defect (Case 6, no defect contact), and (c¢) Middle defect (Case 7, no

defect contact). The anterior side is on the left.
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(a)
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(b)
400 -
—Case 1 — -Case 0
300 s Case7 Case 4
Z
e
3 200 -
5]
L
100 4

() | | | | I !
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Time (8)

Fig. 4. Reaction force in the knee as a function of time for the ramp compression of 500um
followed by relaxation. (a) Defect contact was assumed in the defect cases (peak forces are Case
1: 387.8; Case 2: 363.6; Case 3: 396.3; Case 4: 288.1N); and (b) No defect contact was assumed
in Cases 6 and 7 (peak forces are Case 6: 309.5; Case 7: 293.6N). These defect cases are all

medial condyle defects.
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Fluid pressure (MPa)
(a) Case 1 (d) Case 8

2.113 2.549

1338 1.882
0.966 1.216
0.393 0.550
-0.290 -0.200
(b) Case 2 (e) Case 9
N ™

(c) Case 5 (f) Case 10

Fig. 5. Surface fluid pressure in the femoral cartilage at 500um ramp compression prior to
relaxation (5a, 5b, 5¢) and at 387.76N ramp compressive loading prior to creep (5d, Se, 5f). For
the affected cases, which are all superficial defects, the fluid pressure in the defect region is
shown for the new surface layer, i.e. at the depth of 5/16. Defect contact was assumed in the 4

affected cases including medial condyle defect (5b, 5e) and lateral condyle defect (5c, 5f).
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(a)Case 1 (b) Case 2

Shear strain
(c) Case 3 1.015

E 0350

0.100
-0.041
-0.394

Fig. 6. Shear strain in the deepest cartilage layer during late relaxation of 500um knee
compression (at 1000s). (a) Normal cartilage, (b) Superficial defect, (c¢) Middle defect, and (d)

Deep defect. Defect contact was assumed in the affected cases (Cases 2-4). The medial condyle

is on the right.
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400 -

300 4
Loading Phase for creep

E‘ (constant loading rate)
S’
8 200 -
=
o
s

100 1 - Loading Phase for relaxation

(loading rate increases with time)

Time (s)

Fig. 7. Reaction forces in the knee as functions of time during the loading phase for the cases of
creep and stress relaxation. In the case of creep (dash line), the loading rate was constant (force
control); while in the case of relaxation (solid curve), the knee joint experienced an increasing
loading rate (the slope of the curve increases with time) due to nonlinear behavior. The curve for

the case of relaxation was taken from Fig. 4 for the normal joint (Case 1).
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