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Summary

Osteoarthritis is the most common cause of disability in the elderly, with prevalence
increasing with age. Pain and disability characterize the condition, and in its more
severe form it is the main cause for joint-replacement surgery. Osteoarthritis can be
defined as mechanically-induced full-thickness loss of articular cartilage, associated
with densification and eburnation of the underlying subchondral bone, and usually a
secondary inflammation of the synovium. Hence, besides changes in cartilage, changes
are also seen in the zones of calcified cartilage, subchondral bone and trabecular bone.
Subchondral bone becomes thicker and its stiffness decreases. Both stiffness and
apparent density of the cancellous bone underlying the subchondral bone are increased
due to osteoarthritis. It is generally assumed that osteoarthritis is caused by mechanical
overloading. In experimental animal models, excessive or untypical joint loading
consistently produced osteoarthritic adaptations. Although their causes are known, the
initial events that trigger the pathological process are unclear and it is still not evident
whether the initial changes occur in cartilage, subchondral bone or even in the
synovium. To investigate this, both the processes of cartilage degeneration and bone
densification must be evaluated. The present study focussed on the cause of cartilage
damage initiation, and propagation.

From a mechanical point of view, the most relevant components of articular
cartilage are the tight and highly organized collagen network, together with the
negatively charged proteoglycans. Due to the fixed charges of the proteoglycans, the
cation concentration inside the tissue is higher than in the surrounding synovial fluid.
This excess of ion particles leads to an osmotic pressure difference, which causes
swelling of the tissue. Another cause of swelling in articular cartilage is by repulsion of
the closely-packed, negatively-charged groups of the proteoglycans. This effect, called
chemical expansion, also depends on the internal concentration of ions in solution,
floating around the proteoglycans, because these shield the charged groups from
interacting with each other. The fibrillar collagen network resists straining due to
external loading and swelling pressures. This makes cartilage a unique, highly hydrated
and pressurized tissue, enforced with a strained collagen network.

The objective of this study was to determine what causes the onset of cartilage
damage. Four hypotheses were explored for this purpose: (1) cartilage damage
develops as an effect of mechanical loading, (2) the onset occurs at the level of the
micro-structural collagen network, (3) the probability of collagen damage is highly
dependent on the local collagen morphology, and (4) collagen damage will result in
increased swelling of the tissue.

Meniscectomy, causing dramatic changes in the load distribution of the knee joint, is
a well-known cause of osteoarthritis. To test our first hypothesis we evaluated if
changes in stresses and strains in the articular cartilage after meniscectomy can explain
the onset of cartilage damage. For this purpose a new finite element computational
model of the knee joint was developed. It was shown that both location and magnitude
of the maximal stresses and strains in the articular cartilage changed after
meniscectomy.
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To study cartilage damage at the level of the micro-structural collagen network, first a
new fibril-reinforced poroviscoelastic swelling theory for articular cartilage was
developed. This theory includes the complex arcade structure of the collagen network,
characteristic for articular cartilage, as well as the chemical and osmotic swelling
properties of articular cartilage. A computational model based on this theory could
appropriately fit confined compression, swelling, unconfined compression and
indentation experiments with a single set of material parameters.

For the swelling part of the new fibril-reinforced, poroviscoelastic swelling theory, a
biphasic swelling sub-theory was used. This was based on the assumption that the
electrolyte flux can be neglected in mechanical studies. It was shown that depending on
the material properties, the deformational behavior of this biphasic swelling theory is
similar to that of the full mechano-electrochemical theory. Hence, the biphasic
swelling theory can be a good alternative for the complex mechano-electrochemical
theory for the study of tissue deformation.

To validate the theory, and the computational results, a biochemical test was
developed to visualize collagen damage in postmortem cartilage of bovine knee-joint
specimens.

To test the second hypothesis, the locations of maximal tensile and shear strains
after impact loading as computed with the fibril-reinforced poroviscoelastic swelling
finite element model were compared to sites of collagen damage found experimentally.
Two independent mechanisms by which collagen damage can be initiated were found:
(1) breaking of the entwinements between fibrils due to excessive shear strains along
these collagen fibrils, and (2) breaking of the fibrils themselves due to excessive fibril
strains. In impact studies the first type occured first. The locations of collagen damage
were highly dependent on cartilage thickness.

To test the third hypothesis, the stresses and strains in collagen fibrils at the same
location, but with different orientations were compared. It was found that the local
stresses and strains in articular cartilage are highly influenced by the local morphology
of the collagen fibril network. Hence, it can be concluded that the probability of
collagen damage is highly dependent on the local morphology of the collagen network.

To test the fourth hypothesis the influence of collagen damage, caused during
sample preparation, on the swelling properties of articular cartilage was determined. It
was shown that collagen damage leads to swelling of the articular cartilage, which then
leads to increased fibril strains. It was also shown that collagen damage caused during
sample preparation is the primary cause of the large differences in free swelling strains
as found in the literature. Due to this collagen damage the amount of swelling could be
up to 10 times higher.

In short: The results described in this dissertation provide new insights in the
initiation and propagation of cartilage damage. Furthermore, a theory was developed
which enables analyses of the link between the collagen network and the swelling
properties of articular cartilage, which is essential for studying cartilage physiology
and pathology. Effect of proteoglycan losses or collagen damage can be studied with
this theory. We believe that this theory will be a useful tool for studies of mechanical
behavior and damage mechanisms in articular cartilage.
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Samenvatting

Osteoartrose is de meest voorkomende gewrichtsaandoening bij ouderen. Tijdens
osteoartrose vindt zowel degeneratie van het kraakbeen als verdichting van het
onderliggende bot plaats. Algemeen wordt aangenomen dat osteoartrose veroorzaakt
wordt door mechanische overbelasting.  Hoewel deze oorzaak bekend is,  weet men
nog steeds niet hoe het pathologische proces geïnitieerd wordt.  Ook is nog  steeds niet
bekend of osteoartrose begint in het kraakbeen of in het onderliggende bot.  Hiervoor
moeten zowel het proces van kraakbeendegeneratie als van botverdichting begrepen
worden. Dit onderzoek is gericht op de initiatie van kraakbeenschade.

Vanuit biomechanisch oogpunt, zijn de meest relevante componenten van kraakbeen
het collageennetwerk en de negatief geladen proteoglycanen. Door de hoge
ladingconcentratie van de proteoglycanen is de ionenconcentratie in het weefsel hoger
dan in de synoviale vloeistof. Dit concentratieverschil veroorzaakt een verschil in
osmotische druk, wat leidt tot zwellen van het weefsel. Een andere oorzaak van
zwelling van kraakbeen is de afstoting tussen de negatief geladen groepen van de
proteoglycanen. Doordat de vrije ionen rondom de proteoglycanen de negatieve
groepen van elkaar afschermen, is de chemische expansie afhankelijk van de interne
zoutconcentratie. Het collageennetwerk biedt weerstand tegen trekspanningen, ten
gevolge van externe belasting, en tegen de zweldruk van de proteoglycanen. Deze
combinatie maakt kraakbeen een sterk gehydrateerd weefsel onder druk, versterkt met
voorgespannen collageenvezels.

Het hoofddoel van dit onderzoek was het bepalen van de oorzaak van de initiatie
van kraakbeenschade. Vier hypothesen werden daarvoor onderzocht: (1)
kraakbeenschade wordt veroorzaakt door mechanische belasting, (2) de initiatie vindt
plaats op het niveau van het micro-structurele collageennetwerk,  (3) de kans op
collageenschade is sterk afhankelijk van de locale morfologie van het
collageennetwerk, en (4) schade zal leiden tot een toename van de zwelling van het
weefsel.

Meniscetomy is een bekende oorzaak van osteoartrose. Om de eerste hypothese te
testen, is getoetst of veranderingen in spanningen en rekken in het kraakbeen na
meniscectomy de initiatie van kraakbeenschade kunnen verklaren. Hiervoor is een
nieuw numeriek model van het kniegewricht ontwikkeld. Er bleek dat zowel de locatie
als de grootte van de maximale spanningen en rekken in het kraakbeen sterk
veranderen na verwijdering van de meniscus.

Om kraakbeenschade op het niveau van het micro-structurele collageennetwerk te
kunnen onderzoeken, is een nieuwe vezelversterkte poroviscoelastische
zwellingtheorie voor kraakbeen ontwikkeld. Deze theorie bevat beschrijvingen van
zowel de complexe boogstructuur van het collageennetwerk, als de chemische en
osmotische zweleigenschappen van de proteoglycanen. Met een op deze theorie
gebaseerd numeriek model was het mogelijk om ‘confined compression’-, ‘unconfined
compression’-, indentatie- en zwelexperimenten te beschrijven met één unieke
parameterset.
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Voor het zwelgedeelte van de vezelversterkte poroviscoelastische zwellingtheorie is
een 2-fase zwellingtheorie gebruikt. Deze is gebaseerd op de veronderstelling dat
ionenfluxen verwaarloosd kunnen worden in mechanische studies. We hebben
aangetoond dat, afhankelijk van de materiaalparameters, het mechanische gedrag van
de 2-fase zwellingtheorie goed overeenkomt met dat van de volledige mechano-
electrochemische theorie. De 2-fase zwellingtheorie is dus een goed alternatief voor de
veel complexere mechano-electrochemische theorie.

Om de tweede hypothese te toetsen is, in een nieuw ontwikkelde experimentele
opstelling, kraakbeen van kalveren belast door impact testen. Na deze overbelasting
werd immunohistochemisch de locatie van mechanisch geïnduceerde collageenschade
bepaald, en vergeleken met de rekken in het collageennetwerk, zoals bepaald met het
eindige elementen model. Twee afzonderlijke mechanismen waarmee kraakbeenschade
kan worden geïnitieerd werden daarmee bepaald: (1) het breken van de verbindingen
tussen collageenvezels door te hoge afschuiving langs de vezels en (2) het breken van
de vezels zelf door excessieve vezelrekken. Verder bleken de kansen op en de locatie
van collageenschade sterk afhankelijk te zijn van de kraakbeendikte.

Om de derde hypothese te testen zijn spanningen en rekken in collageenvezels op
dezelfde locatie maar met verschillende initiële oriëntatie, met elkaar vergeleken.
Hieruit bleek dat vezelrekken en -spanningen sterk afhangen van de locale morfologie
van het collageen netwerk. De conclusie is dus dat de kans op collageenschade sterk
afhangt van de locale morfologie van het collageennetwerk.

Om de vierde hypothese te testen is de invloed van collageenschade, veroorzaakt
tijdens de proefstukpreparatie, op de zweleigenschappen van gewrichtskraakbeen
bepaald. Er bleek dat collageenschade resulteert in zwelling van kraakbeen, wat leidt
tot hogere vezelrekken. De verwachting is dat deze hogere vezelrekken weer extra
collageenschade veroorzaken, waardoor een neerwaartse spiraal ontstaat die
uiteindelijk leidt tot volledige degeneratie van het kraakbeen. Verder hebben we laten
zien dat collageenschade, ontstaan tijdens preparatie van proefstukjes, kan leiden tot
grote verschillen in rekken als gevolg van de zweldruk. Deze kunnen tot 10-keer groter
zijn dan in gezond kraakbeen.

Samenvattend: de resultaten beschreven in dit proefschrift geven nieuw inzicht in de
initiatie en de progressie van kraakbeenschade. Verder is er een nieuwe theorie
ontwikkeld waarmee het oorzakelijke verband tussen het collageennetwerk en de
zweleigenschappen van kraakbeen beschreven kunnen worden, hetgeen belangrijk is
voor het analyseren van kraakbeenfysiologie en -pathologie. Ook de consequenties van
proteoglycanenverlies en kraakbeenschade kunnen met deze theorie onderzocht
worden. Deze nieuwe theorie is dus een bruikbaar gereedschap voor onderzoek van
schademechanismen in kraakbeen, die het ontstaan en de ontwikkeling van artrose
bepalen.
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Notations

Quantities

a scalar
a
r

vector
A second-order tensor
I second-order unit tensor

A4 fourth-order tensor
I4 fourth-order unit tensor

sI4 symmetric fourth-order unit tensor

Operations

a∂ , a
r∂ , A∂ variation

a∇
r

, a
r

r

∇ gradient
TA transposition

1−A inversion
aa
rr ⋅ inner vector product
aa
rr ⊗ dyadic product

AA ⋅ inner tensor product
AA : double inner tensor product

)det(A determinant of a tensor

Abbreviations

AC articular cartilage
ECM extracellular matrix
FCD fixed charge density
FEA finite element analysis
MMP matrix metalloproteinase
OA osteoarthritis
PG proteoglycan
ZCC zone of calcified cartilage
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2   Chapter 1

1.1 Scope of this study

Osteoarthritis is the most common cause of disability in elderly, with prevalence
increasing with age. The overall prevalence for moderate to severe osteoarthritis is
approximately 20%. By the age 55-65, up to 85% of all people will have some degree
of osteoarthritis in one or more joints [1]. Pain and disability characterize the
condition, and osteoarthritis in its more severe form is the main cause for joint
replacement surgery.

According to Radin et al. [2] osteoarthritis can be defined as mechanically induced
full thickness loss of cartilage, with thickening and eburnation of the underlying
subchondral bone and, usually, a secondary inflammation of the synovium. Hence,
besides cartilage, changes are also seen in the zone of calcified cartilage [3,4],
subchondral bone and trabecular bone. The subchondral bone becomes thicker and its
stiffness decreases (14%) [5]. Both stiffness and apparent density of cancellous bone,
underlying subchondral bone, are increased in osteoarthritis [6,7]. In Figure 1.1 the
changes in cartilage and underlying bone are depicted.

Figure 1.1: Left: The lateral tibial plateau of a nearly healthy knee. Right: The lateral
tibial plateau of a knee with severe osteoarthritis  [8].

It is generally assumed that osteoarthritis is caused by mechanical overloading. In
experimental models, abnormal joint loads have consistently produced osteoarthritis-
like adaptations. Possible causes are overweight [1,9], knee laxity (excessive
displacements or rotations of the tibia with respect to the femur [10]), impaired knee
alignment (the knee position relative to the hip and ankle [11]), transection of the
anterior cruciate ligament [12,13,14,15,16,17,18], meniscectomy [14,15,17,18,19],
weakening of the quadriceps [20], immobilization [21,22] and impact loading
[23,24,25,26,27,28]. Although all these causes are known, the initial event that triggers
the pathological process is unclear.

As mentioned above in osteoarthritis changes occur in both the articular cartilage
and its underlying subchondral and trabecular bone. It is, however, not clear which of
these changes occur first. To investigate this, both the processes of cartilage
degeneration and bone densification must be evaluated. The present study focusses on
the cause of cartilage damage initiation.

Articular cartilage forms a thin layer that covers the articulating ends of all
diarthrodial joints in the body. Its main functions are to allow almost frictionless
motion, to distribute loads over a large contact area, and to dissipate energy during
loading [29]. Articular cartilage can be considered as a solid matrix, saturated with
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water and mobile ions. Its material properties depend primarily on the properties of the
extracellular matrix, which mainly consists of collagen fibrils and negatively charged
proteoglycans. It is generally accepted that early cartilage degeneration during
osteoarthritis primarily concerns changes in the proteoglycans and in the collagen
network [12,30,31,32,33]. However, the sequence and cause of the changes are
unknown.

As osteoarthritis is believed to be mechanically induced, an approach is needed in
which the stresses and strains in articular cartilage can be correlated to damage
locations. In the literature several sophisticated finite element models for analyzing
cartilage mechanics and the development of damage can be found [e.g. 23,34,35,36].
However, none of these models was able to reliably predict the initiation of cartilage
damage, nor can they fully account for the complicated mechanical behavior of
articular cartilage.

1.2 Objectives

The objective of this study was to determine the cause of the onset of cartilage damage.
Four hypotheses were explored for this purpose: (1) cartilage damage develops as an
effect of mechanical loading, (2) the onset occurs at the level of the micro-structural
collagen network, (3) the probability of collagen damage is highly dependent on the
local collagen morphology, and (4) collagen damage will result in increased swelling
of the tissue.

To determine if changes in mechanical loading can lead to collagen damage, we
evaluated if changes in stresses and strains in the articular cartilage after meniscectomy
can explain the onset of cartilage damage. For this purpose a new finite element
computational model of the knee joint was developed.

To study cartilage damage at the level of the micro-structural collagen network, first
a new fibril-reinforced poroviscoelastic swelling theory for articular cartilage was
developed. This theory includes the complex arcade structure of the collagen network,
characteristic for articular cartilage, as well as the chemical and osmotic swelling
properties of articular cartilage. This new theory was also implemented in a finite
element computational model. To validate the theory, and the computational results, a
biochemical test was developed to visualize collagen damage in postmortem cartilage
of bovine knee-joint specimens.

To determine the influence of collagen damage on the swelling properties of
articular cartilage, the influence of collagen damage, caused during sample preparation,
on the swelling properties of articular cartilage was determined.

For all these purposes, new computational theories were developed, or old ones
adapted. Results were validated experimentally.
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1.3 Outline of this thesis

In Chapter 2 the structure and composition of articular cartilage, as well as their
influence on the mechanical properties of articular cartilage is discussed. In Chapter 3
an overview of mechanical models for cartilage, currently available in the literature,
are discussed. In Chapter 4 it is determined whether an isotropic or a transversely-
isotropic biphasic model is appropriate to predict the initiation of cartilage damage
seen after meniscetomy.

Based on the findings in Chapter 4 it was decided that a model is needed that
includes a realistic representation of the collagen network. In Chapter 5 the
development and validation of such a model is described. In this Chapter also the
influences of collagen orientation on the stresses in the collagen network are discussed.

To verify if mechanically induced cartilage damage can lead to swelling and to
investigate the influence of swelling on the propagation of cartilage damage, swelling
behavior must be included in the finite element model. We therefore developed a
biphasic swelling model, which is a simplification of the mechano-electrochemical
model currently available in the literature (Chapter 6).

After validation, this biphasic swelling model was combined with the fibril-
reinforced poroviscoelastic model into a fibril-reinforced poroviscoelastic swelling
model. This model, together with its validation, is discussed in Chapter 7.

The amount of free swelling predicted by this model was compared to the free
swelling strains of bovine articular cartilage, determined by using a new type of
swelling experiment (Chapter 8).

To damage cartilage explants, an experimental model was developed, which can be
used to apply impact loading with a small-radius indentor on cartilage explants. This
model was used to damage bovine tibial cartilage explants (Chapter 9). Together with
the Orthopaedic Research Laboratory of the University Medical Center Nijmegen, the
locations of cartilage damage in these samples were determined (Chapter 9). Using the
fibril–reinforced poroviscoelastic swelling finite element model, it was investigated
which kind of stresses and strains in the articular cartilage correlate best with the
locations of experimentally found cartilage damage (Chapter 9).

This thesis ends with a general discussion and conclusions (Chapter 10).
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2 Structure and composition of
articular cartilage

The content of this chapter is based on a review article in
Medical Engineering and Physics (submitted):

“The role of computational models in the search for the
mechanical behavior and damage mechanisms of articular
cartilage.”

W.Wilson
C.C. van Donkelaar
B. van Rietbergen
R. Huiskes

Chapter

2
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Articular cartilage (AC) forms a thin layer that covers the articulating ends of all
diarthrodial joints in the body. In human joints, the thickness of the cartilage layer may
vary from 1 mm in finger joints to 6 mm on the retropatellar surface [37,38]. Articular
cartilage plays a vital role in the function of the musculoskeletal system by allowing
almost frictionless motion to occur between the articular surfaces of a diarthrodial joint
[39]. Furthermore, articular cartilage distributes the loads over a larger contact area,
thereby minimizing the contact stress, and dissipates part of the energy that is
associated with the load [29]. In order to understand the progression of joint disease
processes involving cartilage degeneration and to develop treatment and prevention
modalities, the normal functioning of articular cartilage must first be understood. In
this chapter an overview will be given of the composition, structure, mechanical
properties and degeneration process of articular cartilage.

2.1 Cartilage composition and structure

AC can be considered as a solid matrix, saturated with water and mobile ions. The
solid matrix consists of cartilage cells (chondrocytes) embedded in an extracellular
matrix (ECM). The major components of the ECM are collagen molecules and
negatively charged proteoglycans (PG’s) (Figure 2.1). The material properties of
cartilage depend primarily on the properties of the ECM. Composition, maintenance
and turnover of the matrix depend on the biosynthetic activity of chondrocytes [40].

Figure 2.1: Schematic depiction of cartilage structure (adapted from [41])

Proteoglycans
PG’s form approximately 20-35% of the dry tissue weight [42]. They are large,
complex biomolecules composed of a central protein core with negatively charged
glycoaminoglycan (GAG) side chains covalently attached [43]. These groups give rise
to a high negative charge density, quantified as the fixed charged density (FCD)
[40,44]. Due to the FCD, the cation concentration inside the tissue is higher than in the
surrounding synovial fluid, which causes a pressure difference that, results in swelling
of the tissue [45].

Interstitial fluid

Collagen fibril

Proteoglycan
molecule

Proteoglycan
aggregate
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Collagen
Collagen forms approximately 50-75% of dry tissue weight [42,46]. AC contains
primarily type II collagen (80-85%), with smaller amounts of collagen types V, VI, IX,
X, and XI [47,48]. Collagen molecules assemble to form small fibrils and larger fibers
with an exquisite architectural arrangement and with dimensions that vary through the
depth of the cartilage layer [49,50,51,52]. Collagen fibers do not resist pressures, but
are stiff and strong in tension [53,54,55,56]. Hence, they provide resistance against
tensile strains caused by extented loading or by swelling pressures [57].

The stiffness of the collagen network is highly influenced by the amount of cross-
links.  Cross-links can be divided in two different categories of interaction, one
involving physical entwinement which would not allow for network disconnection
unless actual fibril breakage occurs [28], and the other based on some form of
mediated or direct fibril-to-fibril interaction not involving entwinement [58] (Figure
2.2). Results from structural [59,60], and ultrastructural [61] studies do not suggest a
high entwinement density.

Figure 2.2: Two schematic types of cross-linking created using (a) an entwinement
based interaction, and (b) a non-entwinement based interaction (based on [58]).

Examples of cross-links that do not involve physical entwinement are those by
collagen types IX and XI, by PG’s and by advanced glycation end products. Type IX
collagen, which is located at the exterior of the fibrils in an antiparallel orientation
[62], appears to have an important role in stabilizing the three-dimensional
organization of the collagen network [62,63,64]. It thus contributes to the ability of
collagen to resist the swelling pressure caused by PG’s and the tensile stresses
developed within the tissue when loaded [65,66,67,68]. Collagen type XI, buried
within the fibrils where it is covalently linked with collagen type II via hydroxylysine-
based aldehyde cross-links [48], is believed to regulate fibril size [47,69].

The chondroitin 4/6-sulfate side chains of the PG’s can electrostatically bind to the
collagen fibrils, forming a cross-linked rigid matrix [70]. Therefore, the extracellular
matrix of cartilage can be seen as a composite structure of collagen type II fibrils with
intertwining proteoglycan aggregates [70].

Advanced glycation end products are formed by nonenzymatic glycation of proteins,
which is initiated by the reaction of sugars with lysine and arginine residues in proteins
[71]. Generation of advanced glycation end product crosslinking results in stiffening of
the AC collagen network [71,72], which makes it more brittle [73]. In AC, increasing
levels of AGE’s are found with increasing age [74,75,76].

a b
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Chondrocytes
Chondrocytes are metabolically active cells responsible for the synthesis,
incorporation, organization and degradation of matrix components [77]. Because
chondrocytes lack direct cell-to-cell contact and cartilage also lacks blood and
lymphatic vessels, chondrocytes receive nutrients from the synovial fluid via diffusion
and/or convection through the matrix [40,78]. Changes in the environment through
physical factors (e.g., stresses, strains, flow velocities, osmotic and hydraulic pressures,
electric current and potentials), chemical factors (e.g., interleukins, growth factors,
pharmaceutical agents) and matrix composition influence their synthetic response
[79,80].

AC can be divided into 4 different layers, or zones (Figure 2.3). From top to bottom
these are the superficial, transitional, deep, and calcified cartilage zones.

Figure 2.3: Orientation of collagen fibers in different articular cartilage zones.

Superficial zone
The superficial articular zone is the thinnest one and forms the gliding surface of the
joint [42]. In this zone collagen and water content are highest (water content is
approximately 85%) [44,81]. Collagen fibers are densely packed, have a small
diameter, and are arranged parallel to the articular surface [51] (Figure 2.3). The
chondrocytes appear flattened and are relatively inactive [82]. Cell volume is smaller,
cell density is higher and aggrecan content is lower in the superficial compared to the
deeper zones [82,83]. PG’s and collagen appear to be strongly interconnected in this
zone, which may help the superficial zone to resist shear stresses produced by motion
[46].

Transitional zone
The transitional zone occupies several times the volume of the superficial zone. The
collagen fibers have a larger diameter and are more randomly arranged [48,51] (Figure
2.3). The chondrocytes appear rounded and are larger and more active than in the
superficial zone [42]. PG content is high in this zone and aggrecan aggregates are
larger than in the superficial zone.



Structure and composition of articular cartilage   9

Deep zone
In the deep zone the collagen fibers have their largest diameters and are arranged
perpendicular to the subchondral bone [51,84] (Figure 2.3). This zone has a high PG
content and the lowest water content (approximately 60%) [40]. The chondrocytes tend
to be aligned in radial columns and the synthetic activity of the chondrocytes is highest
[82,85,86].

Zone of calcified cartilage
The zone of calcified cartilage (ZCC) is the transition layer between bone and
cartilage. The calcified zone is separated from the deep zone by an interface plane
called the tidemark [48] (Figure 2.3). The cartilage is mineralized (calcified) with
crystals of calcium salts and has low PG content. The collagen fibers from the deep
zone cross the tidemark and insert the calcified zone providing a strong anchoring
system for the tissue on the subchondral bone [84,87]. The thickness of the calcified
zone is a relatively constant percentage of the total cartilage thickness (approximately
5% with a range of 3-8%) [88]. This zone is calcified to the same extent as bone.
Although less stiff than bone, the calcified zone is still 10-100 times stiffer than
cartilage [89]. The tidemark and the junction between the ZCC and subchondral bone
are both wavy (Figure 2.3) and provide great resistance to shear stresses [90].

2.2 Relation between cartilage composition and its structural
properties

From a mechanical point of view, the most relevant components of AC are the tight
and highly organized collagen network together with the charged PG network. Below,
the relation between mechanical properties, composition and structure of the tissue are
discussed.

Viscoelastic behavior
AC is highly viscoelastic. There are two distinct mechanisms responsible for this
behavior [91,92,93]: (a) the frictional drag force of interstitial fluid flow through the
porous solid matrix (i.e. the flow-dependent mechanism), and (b) the time-dependent
deformability of the solid matrix (i.e., the flow-independent mechanism). Of the ECM
both the collagen fibrils [94,95,96,97,98,99,100] and the PG gel, in which they are
embedded [101,102,103], have flow-independent viscoelasticity.

Due to exudation of fluid from the tissue when the cartilage is under load, a loss of
tissue volume will occur. At equilibrium, no fluid flow or fluid pressure gradients exist,
and the entire load is carried by the solid matrix.  Upon removal of load or
deformation, AC will recover to its initial dimensions, due to the elasticity of the solid
matrix and the increased osmotic pressure within the tissue [104,105].

Fluid movement in loaded cartilage is governed by the hydraulic permeability of the
solid matrix. Because the permeability of the extracellular matrix is relatively low, it is
very difficult for the interstitial fluid to escape from the tissue under mechanical
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loading [106,107,108,109]. It was shown that the negative FCD of the PG’s limit fluid
flow, and thereby affect the permeability of the tissue [44,106,110,111]. The
permeability is also highly dependent on pore sizes in the extracellular matrix
[104,105,110,111,112]. When the tissue is deformed both the FCD and pore sizes
change [44,106,110,111]. Hence, the permeability of cartilage is strain-dependent.

Swelling behavior
As discussed earlier, the negatively charged groups of the PG’s give rise to a high-net
negative charge density that is quantified as the FCD [40,44]. In order for the cartilage
to remain electro-neutral, a large number of counter ions (eg., Na+) must be present
within the interstitial matrix. The resulting ion concentration in the AC is therefore
higher than in the surrounding synovial fluid. This excess of ion particles within the
matrix creates a Donnan osmotic pressure difference between in internal and external
environment of the tissue. Due to this pressure difference, fluid will flow into the tissue
to maintain osmotic equilibrium [45]. Another cause of swelling in AC is caused by
repulsion of the closely spaced negatively charged groups of the PG’s. This effect,
called chemical expansion, also depends on the internal concentration of ions in the
solution floating around the PG’s, because these ions shield the charged groups
somewhat from interacting with each other [113].

Compression behavior
The PG’s are mainly responsible for the biomechanical characteristics in compression
[40,103,114]. When the cartilage is loaded in compression, volumetric changes occur
because of fluid movement within the tissue. With these volumetric changes the FCD
inside the tissue increases, and thereby also the internal osmotic-pressure and
chemical-expansion stress. Hence, the effective stiffness of the tissue increases with
decreasing volume. As the collagen network prevents the swelling of the tissue, the
swelling pressures in the tissue remain high. Through this mechanism the collagen
fibrils also contribute to the compressive stiffness of AC.

Tensile behavior
The tensile modulus of AC depends on the collagen fibril density, fibril orientation and
the amount of collagen cross-linking [53]. When cartilage is tested in tension the
collagen fibrils and entwined PG molecules are aligned and stretched along the axis of
loading. For small deformations, when the tensile stress in the specimen is relatively
small, a nonlinear toe-region is seen in the stress-strain curve, due to realignment of the
collagen fibrils, rather than stretching of these fibers. For larger deformations, and after
realignment, the collagen fibrils are stretched and therefore generate a larger tensile
stress due to the intrinsic stiffness of the collagen fibrils themselves [55,56,115]. Due
to this phenomenon the tensile stiffness of AC is highly strain dependent. Due to the
swelling pressures caused by the PG’s the collagen network of AC is prestressed.
Through this mechanism the PG’s also influence the tensile stiffness of AC.
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Shear behavior
Application of pure shear under small strains does (ideally) not cause volumetric
changes of the tissue samples. Thus, no significant pressure gradient or fluid flow
through the matrix occurs [103,116,117]. The intrinsic shear stiffness of the PG-
collagen matrix is mainly associated with the collagen fibrils [103]. PG’s by
themselves may not contribute directly to the overall stiffness in shear. However, they
prestress the collagen network because of their ability to generate swelling pressures
[103].

Importance of inhomogeneity and anisotropy in the matrix components
Composition and structure of cartilage varies through the depth of the tissue, and
location of the tissue in the joint. Hence, the mechanical properties of AC are
nonhomogeneous and anisotropic. Due to the nonhomogeneous distribution of PG’s,
there is a nonhomogeneous distribution of FCD through the depth of the tissue
[118,119,120], which results in depth-dependent swelling pressures.

As the orientation of the collagen fibers changes over the height of the tissue, and
because they can only resist load in tension, the collagen network plays an important
role in the mechanical inhomogeneity and anisotropy of AC. In the superficial zone the
collagen fibrils are arranged parallel to the articular surface, thereby giving this layer a
high tensile stiffness in this direction [55,56,121], while it has very low stiffness in the
perpendicular direction. These fibrils therefore give a large contribution to the
mechanical resistance against indentation. The fibrils in the deeper zones are mainly
oriented perpendicular to the articular surface, and therefore do provide great resistance
against swelling.

2.3 Cartilage damage and degeneration

Mechanically, cartilage degeneration is characterized by an increase in thickness
[122,123], decrease in stiffness [124], increase in permeability [48,124], and an
increased water content [32,48,124,125,126,127]. In severely damaged cartilage,
cracks initiate at the articular surface, and extend downwards at approximately 45
degrees into the superficial [12,26], middle [12,26,28] and eventually deep zone
[128,129]. Cracks along the tidemark [24,25,130,131] can emerge as well.

It is generally accepted that early cartilage degeneration due to osteoarthritis (OA) is
primarily related to changes in the PG’s and in the collagen network [12,30,31,32,33,
61,132,133]. However, the sequence and cause of the changes is unknown. The
initially observed event of cartilage degeneration and OA is swelling of cartilage [112],
which could result from damage to the strained collagen network, or from increased
swelling as a result of an increased PG concentration. Both phenomena are known to
occur in vivo.

Changes in the collagen network
Recently, strong indications were found that the swelling after AC damage is caused by
damage to the collagen network [33,71]. Several studies showed that fibrillation, clefts
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and disintegration of the collagenous fibril network in the transitional zone occur in
early stages of cartilage degeneration [52,134,135,136,137]. Lewis et al. [138] found
broken collagen fibrils at the tips of cracks, but most fibrils were partially peeled apart.
This peeling process suggests that the fibrils are normally “tied” together in a parallel
fashion [61,139,140], and that crack propagation starts by fibrils being peeled apart as
a result of failure of the collagen fibril bonding [138].  The importance of interfibrillar
bonding is also illustrated by McCormack and Mansour [141], who found that
repeatedly indented samples were weaker in tension when loaded in the direction
perpendicular to the radial fibrils, as compared to control samples, even though the
superficial layer was still intact [142,143]. All these findings support the hypothesis of
Clark and Simonian [144], which says (1) that the earliest change in the collagen
matrix architecture is loosening of the cross-links between the large fibrils, which
themselves remain intact until more severe degenerative changes occur, and (2) that
this interfibrillar loosening mechanism initiates in the transitional zone of the cartilage,
rather than at the surface.

Changes in PG content
During cartilage degeneration, PG content decreases due to decreased retention of PG’s
[145], which is probably the result of local early swelling due to damage to the
collagen network [33]. At the same time, alterations in PG aggregation are present in
the early stages of AC degeneration [30,132]. Radin et al. [31] and Pettelier et al. [32]
showed that repetitive loading of rabbit cartilage caused a loss of superficial PG’s,
which resulted in increased metabolic activity of chondrocytes, and thereby the
formation of new PG’s. This is supported by Lafeber et al. [145], Ryu et al. [146] and
Teshima et al. [147], who found that synthesis and degradation of PG’s are increased in
OA cartilage.

Fibrillation
Fibrillation refers to the process in which the matrix becomes split and frayes in the
direction of the principal collagen fibrils, and thus changes with depth of cartilage
damage [148,149]. Both the loss of PG’s and loss of type II collagen are believed to
cause superficial fibrillation [150,151].

Chondrocyte changes
In normal cartilage there is a delicate balance between synthesis and degradation. In
OA, however, this balance is disturbed, with both degradation and synthesis usually
enhanced [30,146]. Matrix degradation is caused by metalloproteinases (MMPs),
which cleave the matrix, and are secreted by cells both in the AC and the synovial
tissue [152,153,154,155]. It has been shown that there is an increased proliferative
activity in osteoarthritic chondrocytes [156,157]. This might be due to a better access
to proliferative factors from the synovial fluid due to fissuring or loosening of the
collagen network [156] or due to damage of the collagen network [158]. Several
authors have suggested that cell death is a central feature in osteoarthritic cartilage
degeneration [159,160,161,162,163]. Obviously dead cells can no longer maintain or
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repair the tissue. Moreover, because dead cells are not removed effectively from the
cartilage, the products of cell death such as pyrophosphate and precipitated calcium
may contribute to pathologic cartilage degradation.
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It is generally accepted that for a correct description of the mechanical behavior of
articular cartilage (AC) at least a biphasic model should be used. According to the
biphasic theory [104] the tissue is assumed to consist of a compressible porous matrix,
which consists of an incompressible solid, hydrated with an incompressible fluid. The
total stress in the tissue is given by the sum of the solid and fluid stress [164],

Iσσ pEtot −= , (3.1)

where σE is the effective stress tensor, p is the hydrostatic fluid pressure and I the unit
tensor. In most biphasic models the solid matrix is assumed linear elastic and isotropic.
For linear isotropic elasticity the effective stress tensor is given by

εIσ µλ 2+= sE e , (3.2)

where es is the cubic dilatation, ε the strain tensor, and λ and µ are Lamé’s constants,
which are functions of Young’s modulus E and Poisson’s ratio ν, as
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In the absence of mass exchange, the total mass change must be equal to the amount of
fluid flow through the surface of the tissue. Hence, the law of conservation of mass is
given by [165]
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, (3.5)

where nf is the fluid fraction, and    and    are the velocities of the solid and fluid
phases, respectively. According to Darcy’s law the fluid flux is related to the
hydrostatic fluid pressure, as
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Here the left-hand term represents the fluid flow through the surface of the mixture and
k is the hydraulic permeability. With Eq. 3.6 the law of conservation of mass, Eq. 3.5
becomes
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As discussed in section 2.1, the material properties of AC are depth-dependent. In
several biphasic models this depth dependency has been included by using a depth
dependent stiffness [166,167] or permeability [167].

The isotropic biphasic model has been used to analyze confined compression
[168,169], unconfined compression [169,170], indentation [171,172,173], and impact
[24,34] loading experiments, for normal and OA cartilage [174,175].

Although the linear biphasic model does include the fluid-flow dependent
viscoelasticity of AC, important features like strain-dependent permeability, anisotropy
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caused by the collagen network, flow-independent viscoelasticity and the swelling
behavior of AC was not included. In sections 3.1 to 3.4 extensions of the linear
biphasic model, including these mechanisms are discussed.

3.1 Strain-dependent permeability

As discussed in paragraph 2.2, the permeability of cartilage is strain-dependent.
According to Lai et al. [176] the strain-dependent permeability can be described by

)exp(0 sMekk = , (3.8)

where k0 and M are material constants and es is the dilatation of solid matrix. In terms
of the void ratio (e=nf /ns) this can be written as [177]
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where and e and e0 are the current and initial void ratios, respectively.

3.2 Anisotropy

Due to its complex collagen network, AC is highly anisotropic and has different
properties in tension and compression. In the literature several models can be found
that include these features. The most important or most widely used models are
discussed in paragraphs 3.2.1 to 3.2.3.

3.2.1 Tranversely isotropic models
In a transversely isotropic material it is assumed that all fibrils run in the same
direction. Hence, a transversely isotropic material can be seen as an orthotropic
material with one plane of isotropy. The direction parallel to the fibrils is called the
longitudinal direction, and the directions perpendicular to the fibrils are called
transversal directions. When assuming the fibrils to lie in the 3rd direction, the stresses
in the solid are given by
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where EL and ET are the longitudinal and transversal Young’s moduli, respectively, GL

and GT are the longitudinal and transversal shear modulus, and νLT  and νTT the
Poisson’s ratios that give the strain in either longitudinal (along the fibrils) or
transversal (perpendicular to the fibrils) direction for a stretch in the other direction.
The transversal shear modulus GT is given by

)1(2 TT
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This leaves 5 independent material parameters (EL, ET, νLT, νTT and GL). In several
studies such transversely isotropic biphasic models were used [34,169,178].

3.2.2 Conewise linear elastic model
In the isotropic and transversely isotropic models the material has the same properties
in compression and tension. Isotropic conewise elasticity models take the compression-
tension non-linearity of the tissue into account [179], while still being linear. In this
model the solid stress is given by
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where ε is the elastic strain tensor and Aa is a tensor corresponding to three material
directions, defined by unit vectors aa. Compression-tension non-linearity occurs when
the Lamé constant λ1 is dependent on the normal strain along direction aa.
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The aggregate modulus in compression and tension is then given by H-A = λ-1+2µ and
H+A = λ+1+2µ, respectively. λ2 is the ”off-diagonal” modulus, determined from
confined compression as a ratio of radial stress to axial strain at equilibrium [180].

In summary, the conewise linear elasticity model has five material parameters:
aggregate modulus in compression and tension, H-A and H+A, respectively, ”off-
diagonal” modulus λ2, shear moduli µ and permeability k.  Both confined and
unconfined compression, torsional shear tests and tensile tests for cartilage were
analyzed with this model [115,179,181].

3.2.3 Fibril-reinforced models
Another way to include the compression-tension non-linearity of the solid matrix is by
using a fibril-reinforced model. In a fibril-reinforced model [182,183,184,185,186,187,
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188] the fibril network (collagen network) contributes to the mechanical stiffness of the
material, in addition to the isotropic matrix. The solid stress of a fibril-reinforced
material is given by the sum of the matrix and fibril stresses. In the fibril-reinforced
models for AC available in literature, fibrils are represented by springs between the
nodes of the elements. Hence, the fibrils can only be represented in the direction of the
elements. The solid stress of a fibril-reinforced material is given by the sum of the
matrix and fibril stresses [182], as

ifimiE σ ,,, += σσ ,  (3.15)

where σm,i and σf,i represent the normal stresses in direction i, in the nonfibrillar matrix
and the collagen fibrils, respectively. The most sophisticated spring based fibril-
reinforced models are those of Li et al. [183,184,185,186,187,188]. In their earlier
models the stiffness of the collagen fibrils was represented by a linear spring with
stiffness E0, parallel to a nonlinear spring with stiffness E1=Eε εf, where εf is the strain
in the fibril direction. The fibril stress σf in these models was then given by
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In their most recent model [188] the fibrils were assumed viscoelastic and the fibril
stresses were given by
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where the relaxation function is represented by a spectrum approximation as
)/exp(1)( m
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with λm the characteristic times for viscoelastic dissipation.

Fibril-reinforced biphasic models [182,183,184,185,186,187,188] have been applied in
unconfined compression, mainly for the characterization of the role of the collagen
network in cartilage time-dependent response. Korhonen et al. [35] used this model to
study the roles of proteoglycan depletion and collagen degeneration on the mechanical
behavior of AC.

3.3 Flow-independent viscoelasticity (poroviscoelastic models)

As discussed in section 2.2 the time-dependent behavior of AC is caused by both fluid-
flow dependent and flow-independent viscoelasticity. In a poroviscoelastic model both
types are included. Two different poroviscoelastic models can be found in the
literature. In the first, the solid matrix is only viscoelastic in shear [189] and in the
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second the solid matrix is viscoelastic both in shear and bulk deformation [93]. The
solid stress of these models is given by
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respectively. Here τ is a relaxation time constant and e the deviatoric component of the
elastic strain tensor. The relaxation function G(t) is given by [189]
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where the continuous relaxation spectrum S(τ) is given by
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where τ1 and τ2 are the short and long term relaxation time constants, respectively, and
c is the magnitude of the relaxation power spectrum.

In addition to the biphasic material parameters in the isotropic case, the
poroviscoelastic model adds three more parameters, which are a discrete spectrum
value c, a short-term relaxation time constant τ1 and a long-term relaxation time
constant τ2.

The poroviscoelastic model was applied for the characterization of time-dependent
response of normal [36,109,189,190,191] and degenerated [36,109] cartilage in
confined compression, unconfined compression and indentation.

Other models that also include both fluid-flow dependent and flow-independent
viscoelasticity are the fibril-reinforced ones of Li et al. [188]. The main difference
between these models and the regular poroviscoelastic ones is that in these the
viscoelastic behavior of the solid is solely ascribed to the collagen network. Hence, the
viscoelastic nature of the solid is highly dependent on the orientation of the collagen
fibrils. Another important difference is that in the fibril-reinforced models the solid is
viscoelastic in tension, while regular poroviscoelastic models are viscoelastic for both
compression and tension. But the main difference between the models is that the fibril-
reinforced ones include the anisotropy of the solid matrix.

3.4 Swelling

As discussed in section 2.2 there are two mechanisms that cause swelling of cartilage:
(1) osmotic swelling, which is due to an excess in ion particles inside the tissue, and (2)
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chemical expansion, which is caused by repulsion of the closely spaced negatively
charged groups of the PG’s. The next two paragraphs discuss how these mechanisms
were included in numerical models.

3.4.1 Osmotic swelling
Mechano-electrochemical model
In the last decade several mechano-electrochemical models were developed that
include the influence of ion concentration and ion fluxes, and therefore enable a
representation of AC swelling behavior.  Lai et al. [113] derived a small deformation
mechano-electrochemical extension of the biphasic model that included three phases:
an incompressible solid, an incompressible fluid and a monovalent ionic phase. This
theory was generalized to finite deformations by Huyghe and Janssen [165]. These
mechano-electrochemical models are also known as triphasic or quadriphasic ones.
Below, a short summary of the most important equations of the mechano-
electrochemical theory are given.

The total stress is the same as for the biphasic model (Eq. 3.1), but in this case the
hydrostatic pressure is given by [165]

πµ ∆+= fp , (3.23)

where µf is the electrochemical potential and ∆π the osmotic pressure gradient.
In the absence of mass exchange the law of conservation of mass is given by [ 164]
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where nα and vα are volume fraction and velocity of component α, respectively. The
relation between permeability and ion diffusion-convection, and the velocity of
component α, is described by [192]
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where cβ is the molecular concentration of phase β per unit of mixture volume, µβ its
molecular potential and Bβα a symmetric matrix of frictional coefficients.

The osmotic pressure gradient from Eq. 3.23 is given by

extπππ −=∆ , (3.26)

where internal and external osmotic pressures are given as [165]
)( −+ += ccRTinφπ  (3.27)

and
)( −+ += extextextext ccRTφπ , (3.28)
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respectively. Here R is the gas constant, T the absolute temperature, c+ and c- are the
concentrations of mobile cations (Na+) and anions (Cl-), respectively, φint and φext are
the internal and external osmotic coefficients, respectively. At each point in the tissue
electroneutrality must hold, hence

Fccc += −+ ,  (3.29)

where cF is the FCD. The chemical potential per mole of NaCl in the external solution
µext and that in the tissue µ are given by [113]
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where γint
± and γext

± are the mean activity coefficients and µ0 the concentration-
independent potential.

The internal equilibrium ion concentrations are given by [165]
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The internal osmotic pressures in equilibrium can then be given by
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Mechano-electrochemical models were used to describe the swelling behavior of
articular cartilage [113] and intervertebral discs in 1D  [193,194] and 3D [195].

3.4.2 Chemical expansion
The dependence of the chemical expansion stress Tc on the ion concentration was not
quantified based on a strict theory. Eisenberg and Grodzinsky [196] proposed for the
chemical expansion stress
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with β0 and cβ material constants, and c the effective NaCl concentration, which is a
function of c+ and c-, as
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Another form of Tc was proposed by Lai et al. [113], as
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with a0 and κ material constants.

If the chemical expansion stress included in a mechano-electrochemical model, c-

follows from the Eqs. 3.24 and 3.25.

3.5 Recapitulation

3.5.1 Analysis of the mechanical behavior of articular cartilage
It was shown that the linear biphasic model can account for creep and stress relaxation
during confined compression [104,108]. Also the long-term creep response can be
accounted for, but significant deviations are seen for the short-term response of the
tissue [93,172]. Furthermore, the utility of this model diminishes when the tissue is
subjected to unconfined compression [170,197,198]. The main reason for this is
probably that the anisotropy, which plays an important role during this test, is not
included in this type of model.

DiSilvestro et al. [190] showed that in unconfined compression the transversely
isotropic biphasic model was able to account for either the measured lateral
displacement or the measured reaction force very well, but could not account for both
variables simultaneously. To be able to describe the lateral displacement, a very small
value for the Young's modulus is needed (9.74 Pa) [169,190]. This is probably caused
by the absence of flow-independent viscoelasticity, due to which the lateral stiffness
remains too high.  Hence, transverse anisotropy still cannot fully account for the
behavior of AC during unconfined compression.

Neither can the isotropic conewise elasticity model account for lateral displacements
and reaction forces simultaneously, due to the absence of flow-independent
viscoelasticity. However, Soltz and Athesian [179] showed that it can account for the
reaction force during confined and unconfined compression, and the fluid pressure at
the center of the sample during unconfined compression, simultaneously.

The linear poroviscoelastic model, which does include flow-independent
viscoelasticity, is able to simultaneously account for reaction forces and lateral
displacements during unconfined compression [190]. Moreover, the poroviscoelastic
model is able to simultaneously account for experimental data measured from
unconfined compression and either indentation or confined compression [189]. It was
also reported that the poroviscoelastic model can accurately simulate unconfined



24   Chapter 3

compression at varying strain rates [191]]. Although this model includes fluid-
independent viscoelasticity, it lacks the anisotropy and compression-tension non-
linearity of the tissue, which is probably the reason why not all these tests can be
accounted for simultaneously.

Huang et al. [115] therefor combined the conewise elasticity and the
poroviscoelastic models. They demonstrated that this combination, which includes
both flow-independent viscoelastic and tension-compression nonlinearity of the solid
matrix, can simultaneously account for the response of AC during unconfined
compression at different loading rates and its response to dynamic loading. They
showed that their model produced better predictions of the dynamic modulus of
cartilage in unconfined dynamic compression than the biphasic conwise-linear
elasticity and poroviscoelastic models, indicating that intrinsic viscoelasticity and
tension-compression nonlinearity of AC both play important roles in the load-support
mechanism of cartilage. The only other model that also include these two features are
the fibril-reinforced poroviscoelastic models of Li et al. [188].

According to Li et al. [183] the influence of strain-dependent fibril stiffness on the
nonlinear mechanical behavior is much larger than the effect of strain-dependent
permeability. The only models that include the effect of a strain-dependent fibril
stiffness are the fibril-reinforced models of Li et al. [183,184,185,186,187,188]. As
mentioned above, one of these also includes the viscoelastic behavior of the collagen
fibrils [188]. In the spring-based fibril-reinforced models the fibril directions are
coupled to the element shapes. Hence, although these models can be used to include
the anisotropic nature of the collagen network, the arcade-like structure that is
characteristic for AC cannot be included.

If one also wants to include the swelling behavior, the models as mentioned above
can be combined with the mechano-electrochemical model [111,113,165,193,194].
However, as mechano-electrochemical models are complex and computationally
expensive, it has so far only been possible to solve geometrically relatively small
problems.

3.5.2 Damage analysis
The only cartilage damage analyses in the literature using FEA modeling are
simulations of impact loading. In these studies the locations of cracks were compared
to locations of maximal stresses and strains, as computed using both linear elastic and
biphasic formulations. It was suggested that cracks at the articular surface could be
explained using a maximal shear stress [199], a tensile stress [200], or a maximal
principal strain criterion [116,201,202]. Cracks along the tidemark could be explained
by excessive shear stresses at the cartilage-bone interface [26,201,202,203]. With FEA
models of cylindrical cartilage plug, Garcia et al. [34] computed the distribution of
maximal shear stresses in the AC during impact loading, using both an isotropic and a
transversely isotropic description of cartilage properties. They found that with an
isotropic material description, cracks along the tidemark can be explained, and that
with a transversely isotropic material description cracks at the articular surface can be
explained; none of these models could explain both types of damage. In Chapter 4 it is
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shown that cartilage damage after meniscectomy cannot be fully predicted by these
models either. None of these studies went down to the mechanics at the microstructure
of AC, nor did they study the changes in cartilage before formations of the cracks.

Of the models discussed in the previous section, several models were used to
analyze the mechanical behavior of degenerated cartilage [35,36,109,174,175].
However, the initiation and progression of cartilage degeneration has so far not been
studied.

As previously indicated, collagen damage and subsequent swelling are thought to be
the initial signs of AC damage. Models which include descriptions of the collagen
network have only recently become available. These models are thought to
significantly accelerate progression in this field of research in the next decade. Also the
biphasic swelling model is an interesting alternative for the better known full mechano-
electrochemical model, as simulations of larger geometries (i.e. whole joints rather
than small cartilage samples) came within reach.

3.5.3 Conclusion
It can be concluded that the requirements of a material model are highly dependent on
the research question. In general, the more features of the composition and structure of
AC are included, the larger the number of material parameters that must be determined,
and the more computationally expensive the model becomes. Hence, one should
always try to use the simplest model that is sufficient to obtain the required data.

As FEA analysis enables calculations of stresses and strains in the different
components of AC, it can be a useful tool to study the onset and development of
mechanically induced cartilage damage, as well as for understanding the mechanical
behavior of healthy and degenerated cartilage. We believe that FEA modeling will help
us to understand normal cartilage functioning, the degeneration process of AC, and
eventually provide tools for developing preventive measures and treatments for
diseases like osteoarthritis.
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4.1 Introduction

Results of both clinical and animal studies show that meniscectomy often leads to
osteoarthritic degenerative changes in articular cartilage (AC), such as flattening and
ridge formation of the femoral condyle over the site of the removed meniscus,
fibrillation, sclerosis and narrowing of the joint space [204,205,206,207,208,209,210,
211,212,213,214,215]. It is generally assumed that this process of cartilage
degeneration is due to changes in mechanical loading after meniscectomy. It is,
however, not known why and where this cartilage degeneration starts.

Using post-mortem knees, scientists have shown experimentally that changes in
stress distributions are likely to occur after meniscectomy. Is was found, that
immediately after menisectomy 50-70% decreases in the articulating contact area and
two to threefold increases in contact stress occurred [212,216,217,218,219]. These
studies, however, did not provide any quantitative information about changes in stress
and strain state within the cartilage layer and the cartilage-bone region.

Load induced AC damage is characterized as either type (1) - damage without
disruption of the underlying bone or calcified cartilage layer - or type (2), subchondral
fracture with or without damage to the overlying cartilage [23]. Type (1) damage
includes fissures that begin at the cartilage surface and extend downwards at
approximately 45 degrees into the superficial zone [26,130], middle zone [26,28,130]
or deep zone [27,129]. In humans, type (2) occurs as a horizontal crack along the
tidemark [24].

In previous reports it was suggested that type (1) damage can be explained using a
maximal shear stress criterion [199], a tensile stress criterion [200], or a maximal
principal strain criterion [116,201,202]. Type (2) damage was explained as a result of
excessive shear stresses at the cartilage-bone interface [25,201,202,203]. With finite
element (FEA) models of a cylindrical cartilage plug, Garcia et al. [34] computed the
distribution of maximal shear stresses in the AC during impact loading, using both an
isotropic and a transversely isotropic description of cartilage properties. They found
that with an isotropic material description type (2) cartilage damage can be explained,
and that with a transversely isotropic material description type (1) damage can be
explained; none of these models could explain both types of cartilage damage.

We asked the question whether cartilage degeneration after meniscectomy is likely
to be initiated by type (1) and/or type (2) cartilage damage. To investigate that we
applied two axisymmetric biphasic FEA models of the knee joint. In these models, the
AC layers of the tibial and the femoral condyles, the meniscus and the bone underlying
the AC of the tibia plateau were included. As in the study of Garcia et al. [34] we
assumed isotropy of the AC in one model and transversely isotropy in the other. The
changes in distribution of the maximal shear stresses in the cartilage after
meniscectomy were computed, to predict the initiation of cartilage damage.

Our knee model was validated with data from clinical studies, in which the effects of
meniscectomy on contact areas and pressures were measured [212,216,217,218,219].
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4.2 Methods

To compute maximal shear stresses in the AC before and after meniscectomy, two
conceptual axisymmetric FEA models of a knee condyle were developed, including
one tibia plateau and one femoral condyle (Figure 4.1). The AC layers of the tibial and
the femoral condyles, the meniscus and the bone underlying the AC of the tibia plateau
were included. A zone of calcified cartilage (ZCC) was included as a separate layer
adjacent to the subchondral bone.

Figure 4.1: Axisymmetric finite element model of the knee joint (ZCC = zone of
calcified cartilage).

The outer radius of the model was 16.5 mm. In the center, the total thickness of the
cartilage layers was 2.4 mm, of which the zone of calcified cartilage accounted for 5%
[88]. At the center of the model, the bone had a thickness of 5.1 mm. To mimic a
meniscectomy, the meniscus was removed from the FEA models.

In both models the AC was described as a biphasic material [104]. As in the study of
Garcia et al. [34] we assumed isotropy of the AC in one model (isotropic model) and
transversely isotropy in the other (transversely isotropic model). In both cases it was
assumed that the permeability of the AC was strain dependent [176]. According to
Mow et al. [220] the meniscus can best be described as transversely isotropic. Hence,
the meniscus was assumed, in both models, to behave as a transversely isotropic
biphasic material with the higher stiffness in circumferential direction [220,221,222,
223]. The bone and the zones of calcified cartilage were assumed linear elastic and
isotropic. The material properties used are shown in Table 4.1.

bone

meniscus

articular cartilage
(femoral condyle)ZCC

ZCC

articular cartilage
(tibia plateau)
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Table 4.1: Material properties (I=isotropic, TI=transversely isotropic).
Articular cartilage [224]

I TI

ZCC
[89]

Meniscus
[229,225, 226]

Bone Membrane

Young’s modulus E1, E2

 [MPa]
0.69 0.46 10 0.075 400 1

Young’s modulus E3 [MPa] - 5.8 - 100 - -
Poisson’s ratio ν12 [-] 0.018 0.0002 0.499 0.5 0.3 0.5
Poisson’s ratio ν13 [-] - 0.0 - 0.0015 - -
Shear modulus G [MPa] 0.34 0.37 - 0.025 - -
Permeability k0 [10-15 m4/Ns] 3.0 5.1 - 1.26 - -
Solid volume fraction ns [-] 0.75 0.25 - 0.75 - -
Permeability coefficient [-] 5.0 5.0 - - - -
Initial void ratio (e0) [-] 3.0 3.0 - 3.0 - -

The displacements of the nodes on the symmetry axis were confined in r-direction
(Figure 4.1). The bone in the femoral condyle was assumed to be rigid, hence the top
nodes of the femoral zone of calcified cartilage were constrained in all directions. The
vertical displacements of the nodes at the bottom plane of the model were tied such
that they are equal. Hence, they remain on a straight horizontal plane. At the free
surfaces of cartilage and meniscus a zero fluid pressure was assumed, meaning that
fluid can flow in and out freely. Since the fluid pressures at cartilage surfaces in
contact, with each other will be very similar, fluid exchange between these surfaces is
not likely to occur. Hence, it was assumed that no fluid flow takes place between the
two articulating surfaces and between AC and meniscus. Contact between two AC-
layers and between AC and meniscus were assumed to be frictionless [199,227]. Since
contact between more than two deformable bodies can cause serious difficulties in the
FEA computations, in the model with meniscus a thin flexible membrane with a low
stiffness was included between the cartilage layers and the meniscus, fixed to the
meniscus. Hence, in the model with meniscus contact was defined between the
cartilage layers and the meniscus or the membrane, while the model without meniscus
only includes contact between the two cartilage layers. Knee joint forces of 147 N, 294
N, 441 N and 588 N were investigated. Assuming a bodyweight of 60 kg, the knee
joint forces of 294 N and 588 N represented two-legged and one-legged stances,
respectively. The knee joint forces were applied as distributed loads on the bottom
plane of the model. The pressure on the bottom plane was computed as

22 r

F
P

π
= , (4.1)

with F the knee joint force and r the radius of the model. The factor 2 was included to
account for both medial and lateral compartments of the knee. The force applied
represented a ramp load during 1 second, which was then held constant for 120
seconds. The maximal shear stresses were determined after these 120 seconds.

The model was implemented in ABAQUS v6.2 (Hibbitt, Karlsson & Sorensen, Inc.,
Pawtucket, RI, USA). It consisted of 3537 elements, of which 1841 linear
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axisymmetric pore pressure elements (CAX4P), 1573 linear axisymmetric solid
elements (CAX4) and 30 linear axisymmetric membrane elements (MAX1).

An updated Lagrange procedure was used to account for geometric non-linearities
that occurred within the model. To implement the strain dependent permeability, the
expression proposed for the permeability by Lai et al. [176] was rewritten to [177]
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with k0 the initial permeability, e the void ratio and e0 the initial void ratio.

4.3 Results

4.3.1 Isotropic model
The contact area and maximal contact pressure in the isotropic model increased with
increasing load in a non-linear way. After meniscectomy the contact area reduced
considerably, and the maximal contact pressure increased accordingly (Figure 4.2).

Figure 4.2: Contact pressure distribution on the tibial plateau of the isotropic and
transversely isotropic model at joint loads of 294 N and 588 N, with and without
meniscus.

It was found that 84-85% of the total load in this model is transferred through the
meniscus. After meniscectomy the contact area decreased by 40-62%, with the lower
values found for the higher joint forces (Figure 4.3).
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Figure 4.3: Contact area on the tibial
plateau as a function of the applied load,
with (wm) and without meniscus (nm) and
for both the isotropic and tranversely
isotropic model.

Figure 4.4: Maximal contact pressure on
the tibial plateau as a function of the
applied load with, (wm) and without
meniscus (nm) and for both the isotropic
and tranversely isotropic model.

The maximal contact pressure increased by 91-183%, again with the lower values
found for the higher joint forces (Figure 4.4). In Table 4.2 these findings are compared
with experimental findings from the literature.

Table 4.2: Influence of a meniscectomy on the contact areas and stresses on the tibia
plateau

Results of
isotropic model

Results of
transversely isotropic

model
294 N 588 N 294 N 588 N

Literature1

Decrease of contact area  after
meniscectomy

51% 40% 55% 43% 50-70%

Increase of maximal contact
pressure after meniscectomy

132% 91% 176% 130% 50-200%

Both with and without meniscus the sites with the maximal shear stresses were located
at the cartilage-bone interface, away from the center of contact (Figure 4.5). After
meniscectomy the sites of maximal shear stress moved towards the center of the
condyle. For a joint force of 588 N the maximal shear stress in the AC in this case
increased by 140%.

                                                       
1 Experimental data was taken from experiments on human cadaver knees, at a loading range of 200 to 1500 N
[212,217,216,219].
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Figure 4.5: Tresca stress distribution in the AC at an applied joint load of 588 N with
meniscus (left) and without meniscus (right), when using an isotropic model for the
AC.

4.3.2 Transversely isotropic model
Just like in the isotropic model the contact area and maximal contact pressure in the
transversely isotropic model increased with increasing load in a non-linear way. After
meniscectomy the contact area decreased by 43-62%, with the lower values found for
the higher joint forces (Figure 4.3). The maximal contact pressure increased by 91-
271%, again with the lower values found for the higher joint forces (Figure 4.4). In
Table 4.2 these findings are compared with experimental findings from the literature.

In the model with meniscus, maximal shear stresses were found at the cartilage-bone
interface, away from the center of contact (Figure 4.6). In the model without the
meniscus the sites of maximal shear stress were located at the cartilage surface, at the
center of the model (Figure 4.6). For a joint force of 588 N, after meniscectomy the
maximal shear stress in the AC increased by 172% and the maximal shear stress at the
articular surface increased by 467%.

Figure 4.6: Tresca stress distribution in the AC at an applied joint load of 588 N with
meniscus (left) and without meniscus (right), when using a transversely isotropic model
for the AC.
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4.4 Discussion

A conceptual axisymmetric finite element model of a knee condyle was developed, to
study changes in AC loading after meniscectomy. This model included the AC layers
of the tibia and the femoral condyle, the meniscus and the bone underlying the
cartilage of the tibial plateau. As far as we know, results from numerical models
accounting for biphasic and anisoptropic cartilage material behavior, load-dependent
changes in contact conditions between deformable cartilage layers, and large cartilage
deformations, have not been published before. With this model we found realistic
pressure distributions on the tibia plateau before and after meniscectomy, relative to
experimental results. Our analyses predicted that the meniscus carries about 84% of the
total load. This value lies within the range of 50-90% reported in the literature
[212,217,218,219,228,229]. The decrease in contact area, and the consequential
increase in contact stress calculated after meniscectomy, correspond with literature
values as well [212,217,218,219,228,229], except for the decrease in contact area after
meniscectomy at a joint load 588 N, which was slightly underestimated. The decrease
of the contact area after meniscectomy was found to be prominent in particular for low
loads, which is equally consistent with the literature [217].

To investigate whether and where cartilage degeneration after meniscectomy is
likely to be initiated by type (1) and/or type (2) cartilage damage, the changes in the
distribution of the maximal shear stresses in the AC after meniscectomy were
computed. Based on the results, we propose three possible pathways for load-induced
cartilage damage. The model in which the AC is described as a transversely isotropic
material predicted that the maximal shear stresses at the articular surface are increased
by 467% after meniscectomy. According to Eberhardt et al. [199], excessive shear
stresses in AC can lead to type (1) cartilage damage. Hence, after meniscectomy, type
(1) cartilage damage can be expected at the articular surface due to the increased shear
stresses in this region, which is the first possible pathway. Secondly, with the model in
which the AC is described as an isotropic material, we found that the maximal shear
stresses at the cartilage-bone interface increased by 140% after meniscectomy.
According to Kelly and O’Conner [200] excessive shear stresses in AC can lead to type
(2) cartilage damage. Hence, after meniscectomy, type (2) cartilage damage can be
expected at the cartilage-bone interface due to the increased shear stresses in this
region. Thirdly, in both the isotropic and transversely isotropic model it was found that
the sites of maximal shear stresses moved to different locations in the AC after the
meniscectomy. According to Yoa et al. [230], higher predominant stresses during
normal activities will result in an increasing cartilage compressive modulus, due to
local adaptation. If this is correct, then after the meniscectomy the locations of the
maximal shear stresses move to a part of the AC that is not yet adapted. This makes it
even more likely that cartilage damage occurs.

The use of two different constitutive models for cartilage in this study, one isotropic
and one transversely isotropic, is a critical aspect. The issue was not to explain the
pathways of cartilage damage after menisectomy, but rather to predict where it is likely
to start. To explain it with FEA models would require information about the locations
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where damage is initiated, which is not available for post-menisectomy situations. But
to predict where damage is likely to be initiated in this way requires a relationship
between the onset of damage and the values of the stresses and strains computed. For
that purpose we had to rely on the information of Garcia et al. [34], who explained
cartilage damage initiation by comparing shear stresses computed with FEA to
cartilage damage measured experimentally [24,26,28,130,199]. However, to explain
both type (1) and (2) damage modes, they needed both the isotropic and transversely
isotropic models. Hence, we had to do the same, but realize that eventually a valid
unified theory will have to be developed.

According to Clark [50] the collagen fibers in the deep zone of the AC, which
determine its anisotropy, run perpendicular to the underlying subchondral bone. Since
the load in the direction of the fibers is compressive in the deep zone, the fibers in this
zone will not be stretched. Hence, an isotropic description seems a reasonable
approximation for this layer. In the surface zone of the AC the fibers run mostly in a
direction parallel to the articular surface [50]. Since the tensile strains are mainly in the
direction of the fibers in the surface zone, the stiffness of this zone is mainly
determined by the fibers. Hence, an anisotropic description seems a reasonable
approximation in this location.

A second critical issue is the use of axisymmetry for our knee models. Due to this
axisymmetry a limited number of loading situations can be simulated. However, the
dimensions of the contact regions, and the pressure distributions we computed for the
articular surfaces, compared well with experimental information from the literature.
Since damage initiation is determined by local mechanical loading, we believe that the
predictions are valid in an indicative sense.

In conclusion, we found that both the maximal values and the distributions of the
shear stress in the AC change after meniscectomy. Based on these findings we propose
that cartilage degeneration after menisectomy is caused by both type (1) and type (2)
damage, and we specified where these damage modes are likely to be initiated.
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5.1 Introduction

Osteoarthritis (OA) is a multifactorial disease, resulting in articular cartilage (AC) wear
and eventually joint destruction. OA can develop secondary to ultrastructural damage
caused by excessive loading. Swelling of cartilage, which is proportional to the amount
of collagen damage [33], is an initial event of cartilage degeneration [112]. This
suggests that damage to the collagen network is an early event in cartilage
degeneration in OA [32,71].

The primary collagen fibrils in cartilage extend perpendicular from subchondral
bone and gradually curve to a horizontal course, flush with the articular surface, to
merge into the surface layer [50,51,231,232]. Since this specialized structure is of
essential importance for the mechanical function of cartilage, damage to the collagen
network is obviously important for the development of cartilage damage. During
excessive impact loading, damage to fibrils in both the superficial layer
[24,28,130,233] and at the cartilage bone interface can occur [24,25,130,131,234]. The
deformation of the collagen network during loading was studied experimentally by
Kääb et al. [235,236] using scanning electron microscopy. They showed that the
characteristics of the deformations differ between superficial fibrils and those at the
cartilage-bone interface. Using a poroelastic FEA model, we found that superficial
damage could only be explained from stress analyses when assuming the cartilage to
be anisotropic, but that damage of fibrils at the cartilage-bone interface can only be
predicted in an isotropic model [237 (Chapter 4)]. Based on this study we hypothesized
that this contradiction could be solved by accounting for the actual, local
morphological features of the collagen-fibril network.

Sophisticated FEA models for analyzing cartilage mechanics and the development
of damage have been presented [e.g., 34,184,186,238], but only one included a
description of collagen fibrils [184,186]. This included the collagen fibrils as
nonlinear-elastic springs running in axial, radial and circumferential directions.
However, this model does not take the specialized architecture of the collagen network
into account, nor does it include the viscoelastic properties of the collagen fibrils
[97,98,99,100].

In order to test our hypothesis, we developed a poroviscoelastic fibril-reinforced
FEA model for AC, which enables the evaluation of stresses and strains in a
geometrically realistic arcade-like collagen network. It also includes a secondary fibril
network as was observed by [50,231]. The constitutive fibril properties were
determined by fitting numerical data to experimental results of unconfined
compression and indentation tests on samples of bovine patellar AC [189]. With our
new model we computed the local stresses in different parts of the network.

5.2 Method

AC was assumed as biphasic [104]. The solid matrix consists of a non-fibrillar part of
mainly proteoglycans and a fibrillar network of collagen fibrils. In the model, both the
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Arcade model of Benninghoff
(1925) Superificial zone

(SZ)Transitional zone

Deep zone (DZ)

r
θ

z

non-fibrillar and the fibrillar part of the solid matrix were included in one continuum
element.

5.2.1 Fibrillar part
The 3D-collagen network was captured as a combination of large primary collagen
fibrils and smaller secondary fibrils. As described in the arcade model of Benninghoff
[51], bundles of primary fibrils extend perpendicular from the subchondral bone,
splitting up close to the articular surface into fibrils which curve to a horizontal course,
flush with the articular surface. Each vertical bundle was assumed to split up in four
different fibril directions, curving in radial and circumferential directions (Figure 5.1).

Figure 5.1:  Orientation of the primary fibrils as a function of depth. Right: cartoon of
the arcade model of Benninghoff [51]. Left: Orientation of four primary collagen
fibrils as implemented in the FEA model.

In the deep zone the average angle of the primary fibrils with respect to the r-axis as
implemented in the FEA model was π/2. In the transitional and superficial zone this

angle decreased to become zero at the articular surface (Figure 5.2). The thickness of
the three zones was obtained from Hunziker [83]. The collagen content is constant in
the deep zone, gradually increases in the middle zone, and reaches a total increase of
20% in the superficial zone [46]. To take this into account, the fibril volume density in
the model was made depth-dependent (Figure 5.3).
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Figure 5.2: Angle of the primary collagen
fibrils with respect to the r-axis.

Figure 5.3: Relative fibril volume density
(ρc) as a function of depth.

It was assumed that orientation of the secondary fibrils is random. The network of
secondary fibrils was represented by a homogeneous 3D network of fibrils, running in
the r-, θ- and z-directions, and in all directions with angles of 45 degrees with respect
to the r-, θ-, and z-axes (Figure 5.4). Hence, the secondary fibrils have 13 different
orientations at every integration point. These secondary fibrils are relatively short and
account for extra matrix stiffness in the associated direction.

Figure 5.4: Schematic representation of the 13 different orientations of the secondary
fibrils at any arbitrary point in the matrix.

In the model of Li et al. [184] the fibril stiffness was given by

ff EEE εε+= 0 , (5.1)

where E0 and Eε are positive material constants and εf is the fibril strain. This can be
represented as a linear spring with stiffness E0 parallel to a nonlinear spring with
stiffness E1=Eε εf (Figure 5.5a).
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Figure 5.5: Schematic models for the elastic collagen fibrils (a) and viscoelastic
collagen fibrils (b).

To account for the viscoelastic properties of the collagen fibrils we included a linear
dashpot with damping coefficient η in series with the nonlinear spring (Figure 5.5b).
This model is similar to the model of Wang et al. [98], which was previously used for
the description of the viscoelastic behavior of collagen type I. Since there is no dashpot
in series with the linear spring, no relaxation of the stresses in the linear spring will
occur. Hence, the fibril stresses after full relaxation will be determined by the linear
spring. Since the time constant of the spring dashpot model is given by E1/η, the
relaxation behavior of the fibril is strain dependent. Assuming that the fibrils only
resist tension, the stresses in the viscoelastic fibrils are given by
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After time integration with an implicit backward Euler scheme, this becomes

0for0

0for0

0

≤=

>










∆
−











+

++










∆
−

−=

∆+∆+

∆+
∆+

∆+

∆+
∆+

∆+
∆+

tt
f

tt
f

tt
f

t
f

tt
f

tt
f

tt
f

t
f

tt
f

tt
f

tt
f

tE

E

E
tE

εσ

ε
εε

η
ε
η

ε
σσ

ε
ησ

ε

ε

, (5.3)

where σf
t+∆t and εf

t+∆t are the current fibril stress and strain, respectively and σf
t and εf

t

the fibril stress and strain from the previous increment. When the relative density
between the primary and secondary fibrils are taken into account, the stresses in the
primary and secondary fibrils are given by

tt
fpf C ∆+= σσ , (5.4a)

and
tt

fsf
∆+=σσ , , (5.4b)

E0

ηE1=Eε εf

(b)

E0
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respectively. Here C is the relative density of the primary fibrils with respect to the
secondary fibrils.

5.2.2 Non-fibrillar part
The non-fibrillar part of the solid matrix was assumed to be linear elastic, with a
Young’s modulus Em and a Poisson’s ratio νm. The permeability (k) was assumed to be
strain-dependent [176], and is given by [177], as

M

e

e
kk 





+
+=

0
0 1

1
, (5.5)

with k0 the initial permeability, M a positive constant, and e and e0 the current and
initial void ratios, respectively. The initial void ratio was depth-dependent [184], as












 −−=

h

z
ee e 11ˆ00 α , (5.6)

where     is the initial void ratio at the articular surface, αe is a material constant and h
is the height of the sample. According to Lipshitz et al. [239] the water content is about
85% in the superficial layer and decreases to about 70% at the cartilage bone interface.
Taken this into account the material constants   and αe become 5.667 and 0.5882,
respectively.

5.2.3 Implementation
At each integration point the total stress in the solid matrix is given by the sum of the
stresses in the non-fibrillar matrix and the sum of all fibril stresses by

∑
=

− +−=
totf

i

i
globalfcfibrillarnonctot

1
,)1( σσσ ρρ , (5.7)

where σnon-fibrillar and σi
f,global are the stresses in the non-fibrillar matrix and in each

individual fibril, both with respect to the global coordinate system, and ρc is collagen
density (Figure 5.3). Since the non-fibrillar matrix was assumed to be linear elastic and
isotropic, the non-fibrillar matrix stresses can be computed using Hooke’s Law. To
determine the fibril stresses at each integration point, the initial orientation of each
fibril is given by a unit vector (   ). After deformation the new unit fibril vector (     )
can be computed by
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with F the deformation gradient tensor. The logarithmic fibril strain can be computed
as

0log vf
r⋅= Fε . (5.9)
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With this fibril strain the fibril stresses as given in Eq. 5.4a and Eq. 5.4b can be
computed. These are longitudinal tensile stresses in the fibrils. By rotating the fibril
stresses back to the global coordinate system, the tensile stress in each fibril with
respect to the global coordinate system is obtained, as

newnewfglobalf vv
rr ⊗=σ,σ , (5.10)

where ⊗  stands for a dyadic product. With the total stress tensor the stiffness tensor
can now be computed using (Hibbitt, Karlsson & Sorensen, Inc, 2001)

δδ DCσ :)( 4JJ = , (5.11)

where J is the determinant of the deformation tensor F, 4C the fourth order stiffness
tensor and Dδ the virtual rate of deformation, defined as

)( 1−⋅= FFD δδ sym . (5.12)

The derivation of 4C is given in Appendix A.

The model was implemented in ABAQUS v6.2 (Hibbitt, Karlsson & Sorensen, Inc.,
Pawtucket, RI, USA). The subroutine UMAT was used to define the material behavior
of the total solid matrix. An updated Lagrange procedure was used to account for
geometric non-linearities that occurred within the model.

5.2.4 Determination of the material properties
The unknown material properties (Em, νm, k0, M, E0, Eε, η and C) were calculated from
compression experiments of DiSilvestro and Suh [189] as decribed below. DiSilvestro
and Suh [189] performed confined compression, unconfined compression and
indentation tests on samples of bovine patellar AC. It is assumed that the fibrils are not
stressed during unconfined compression. Hence, the equilibrium response of the
cartilage is determined only by the non-fibrillar part. Therefore, the aggregate modulus
of the non-fibrillar part of our model has to be the same as one determined by
DiSilvestro and Suh [189]. However, the values for the Young’s modules Em and
Poisson’s ratio νm used by DiSilvestro and Suh [189] can not be used directly, because
they did not take the equilibrium response of the fibrils into account. Hence, we used a
slightly higher Poisson’s ratio compared to DiSilvestro and Suh [189]. The Young’s
modulus Em and Poisson’s ratio νm of the non-fibrillar part of the solid matrix were set
to 0.7327 MPa and 0.15, respectively. During confined compression (when the fibrils
are not stretched, this results in the same aggregate modulus for the whole model as
found by DiSilvestro and Suh [189].

The unknown material properties of the fibril-reinforced model are k0, M, E0, Eε, η
and C. These unknown material properties were determined by fitting them to
unconfined compression and indentation measurements of DiSilvestro and Suh [189].
We did not use their confined compression results because, according to DiSilvestro
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and Suh [189], the boundary conditions for these tests were not trustworthy. The data
of DiSilvesto and Suh [189] included the normalized reaction force of both the
unconfined compression and indentation tests and the lateral displacement of the outer
edge during the unconfined compression test. The data of DiSilvesto and Suh [189]
were approximated from the graph in their paper with an estimated accuracy of <1%.
The fitting procedure itself was performed iteratively using a multidimensional
unconstrained nonlinear minimization procedure available in Matlab Version 5.3 (The
MathWorks Inc., 1984-1999). From within this procedure ABAQUS was called to
simulate the unconfined compression and indentation tests. The resulting reaction force
and lateral displacement data were then transferred into Matlab and normalized in the
same way as by DiSilvesto and Suh [189]. In order to be comparable with the single
value for the lateral displacement calculated by DiSilvesto and Suh [189], the lateral
displacement was averaged over the height of the sample. For the three data sets the
coefficient of determination (R2) were computed. As the objective function, we used

2
,

2
,

2
,3

lrr uuncFindFunc RRRf −−−= , (5.13)

where R2
unc,Fr and R2

ind,Fr are the coefficients of determination of the fits to the reaction
force for the unconfined compression and indentation tests, respectively, and R2

unc,ul is
the coefficient of determination of the fit to the lateral displacement for the unconfined
compression test. Hence, the model was fitted to the unconfined compression and
indentation tests simultaneously.

For the simulation of the unconfined compression test an axisymmetric finite
element mesh was used consisting of 750 linear axisymmetric pore pressure elements
(CAX4P) (Figure 5.6). The nodal displacements at the bottom plane were confined in
z-direction.

Figure 5.6: Unconfined compression mesh (r0 =1.5 mm, h=1.28 mm).

The displacements of the nodes at the symmetry axis were confined in r-direction. At
r=r0, zero pore pressure was prescribed, i.e. fluid can flow in and out freely. The mesh
was axially compressed by 10%. After full relaxation, an additional 5% strain at a ramp
strain rate of 0.001 s-1 was applied. This strain was held constant until full relaxation
occurred. While the additional 5% straining and relaxation occurred, axial reaction
forces were computed.
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For simulation of the indentation test an axisymmetric finite element mesh was used
consisting of 600 linear axisymmetric pore pressure elements (CAX4P) (Figure 5.7).
The nodes at the bottom plane were confined in all directions. The displacements of the
nodes at the symmetry-axis were confined in radial direction. At z=h, with rind<r≤r0,
zero pore pressure was prescribed. At the center, a rigid impermeable indentor with a
radius of 1.53 mm was placed on top of the AC. The indentor was pushed down by
applying 10% strain. After full relaxation, an additional 5% strain at a ramp strain rate
of 0.001 s-1 was applied. This strain was held constant until full relaxation occurred.
While the additional 5% straining and relaxation occurred, the axial reaction forces
were computed.

Figure 5.7: Indentation mesh (r0=6.12 mm, rind=1.53 mm, h=1.28 mm).

5.3 Results

To determine the unknown material parameters of the poroviscoelastic fibril-reinforced
FEA model, reaction force and lateral displacements during an unconfined
compression and an indentation test as computed with the model were fitted to the
experimental data of DiSilvesto and Suh [189]. For the unconfined compression test
the FEA reaction force lies well within the experimental range found by DiSilvesto and
Suh [189] (Figure 5.8a). The lateral displacement was slightly greater during the
loading part compared to the data of DiSilvesto and Suh [189] (Figure 5.8b), but lies
well within the experimental range during the relaxation part. For the indentation test,
the model described a delayed increase of the reaction force during the loading part,
and also a slightly quicker decrease during the relaxation part (Figure 5.8c). The
coefficients of determination (R2) were 0.94 and 0.85 for the reaction force and lateral
displacement in unconfined compression, respectively. The coefficient of
determination (R2) was 0.96 for the indentation test. The resulting poroviscoelastic
fibril-reinforced model parameters characterizing normal bovine patellar cartilage were
determined at k0=1.743·10-15 m4/Ns, M=7.081 E0=31.57 MPa, Eε=3269 MPa, η=7100
and C=12.16.
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Figure 5.8: (a) Axial reaction force, normalized to equilibrium, measured from
unconfined compression tests [189] along with fibril-reinforced model curve fit. (b)
Lateral displacement, measured from unconfined compression tests [189] along with
fibril-reinforced model curve fit. (c) Axial reaction force, normalized to equilibrium,
measured from indentation tests [189] along with fibril-reinforced model curve fit.

To show the importance of accounting for the actual local collagen morphology, the
stresses in the primary fibrils curving towards and away from the center of the joint
were plotted for the indentation test (Figure 5.9 and Figure 5.10). Interestingly, there
were marked differences between the stresses in the different primary fibrils in the r-z
plane, depending on the direction of curvature. The fibrils curving away from the
center of the joint show peak stresses at the edge of the indentor. This stress peak was
absent in the fibrils curving towards the center of the joint. This can be explained by
considering that the fibrils only resist tension and by the fibril deformations (Figure 5.9
and Figure 5.10). The fibrils curving away from the center of the joint bend toward the
direction of maximal strain, and hence are strained. Whereas the fibrils that curve
towards the center bend away from the direction of maximal strain, and hence are not
strained.
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Figure 5.9: Contour plot of the fibril stresses in the primary fibrils curving away from
the center of the joint at t=50 s, along with the fibril directions around the edge of the
indentor. At the top the unloaded state is shown and at the bottom the state at t=50 s.

5.4 Discussion

The FEA model presented in this paper incorporates the ultrastructural 3D architecture
of viscoelastic collagen fibrils, observed experimentally, into a poroviscoelastic fibril-
reinforced material model of AC. For this new approach, a new set of material
parameters had to be defined and their values determined. Some of these were taken
directly from the literature, while others were calculated from fits to published
experimental data. With this model the reaction force during indentation and
unconfined compression as well as the lateral deformation during unconfined
compression could be accounted for simultaneously. Until now this was only possible
with the poroviscoelastic model of DiSilvesto and Suh [189]. DiSilvestro’s model can
only simulate bulk behavior, and does not take the behavior of the collagen network
into account.

The value found for the permeability k0 and the constant M corresponds well with
those found in the literature [48,240]. The values found for E0 and Eε are about 3 times
higher than those of Li et al. [183,184,186]. This is due to the differences in fibril
density, and that the fibril architecture has been taken into account. These differences
might also be partially caused by the real differences in material properties between
patellar and humeral cartilage. The ratio between E0 and Eε was similar to the one in Li
et al. [183,184,186]. For the damping coefficient η no literature data is available.
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However, the relaxation time of the collagen fibrils was very similar to the one found
by Wang et al. [98] for collagen type I.

Figure 5.10: Contour plot of the fibril stresses in the primary fibrils curving towards
the center of the joint, along with the fibril directions around the edge of the indentor.
At the top the unloaded state is shown and at the bottom the state at t=50 s.

For the relative density between the primary and secondary fibrils (C) no literature data
is available. It should be noted that the number of different primary and secondary
fibrils in each integration point was 4 and 13, respectively. Hence, the actual relative
density is 12.16×4/13=3.74. A sensitivity analysis showed that the relative density
between the primary and secondary fibrils only slightly influenced the unconfined
compression test. During this test the deformation throughout the tissue is more or less
equal. Since the secondary fibril network is also homogeneous, the properties of this
network mainly determine the overall behavior of the tissue. During indentation,
however, the superficial cartilage layer is stretched horizontally, while the deep zone is
stretched vertically. Hence, predominant straining throughout the height of the tissue is
in the direction of the primary fibrils and therefore the primary fibrils are dominant.
Thus, the indentation test was very sensitive to the value of C.

When fitting multiple material parameters it is always the question whether a unique
fit has been obtained. In our model each material parameters had a distinct and
different influence on the mechanical response. Furthermore, the fit was performed
with different initial values for each parameter, and all fits resulted in the same values.
Hence, we believe that it is very likely that a unique fit has been obtained. Moreover,
the parameter values correspond with those determined by others.
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It is known that the non-fibrillar part of the solid matrix has depth-dependent [241] and
viscoelastic properties [91]. It is also known that chemical interactions play a role in
the mechanical behavior of AC [113]. However, these features have not been included
in our model, which could explain some of the mismatches of the model compared
with experimental data. However this was not investigated further.

In this model the primary fibril organization was based on the arcade model of
Benninghoff [51], which is valid in the central part of load bearing AC [50]. Hence,
care should be taken when using this model for other parts of the joint.

Essential parameters, including the thickness of the different zones, the collagen
content and orientation in these zones and the distribution of the water content were not
measured in the samples tested by DiSilvesto and Suh [189]. Therefore, these were
obtained from other literature. A possible mismatch may account for part of the
difference between model and experimental data. In the present model four primary
fibril directions were included. This may appear a simplification of the actual fibril
organization at the cartilage surface, but appropriate data that shows otherwise in not
available from the literature. This may account for part of the difference between
model and experimental data.

The orientation of the secondary fibrils was assumed to be random. The structure of
this network is not well known, but based on the data of [50,231] and scanning electron
microscope images of AC made by our own group, this assumption seems reasonable.
Nevertheless, a possible mismatch could have occurred, which could account for part
of the difference between model and experimental data.

The stiffness of the fibrils was described separately in each integration point. This
approach is valid, given the fact that the collagen fibrils are bonded to the non-fibrillar
matrix, either by chemical bonds or entanglements [70].

In conclusion, a new poroviscoelastic fibril-reinforced cartilage model, including the
complex arcade structure of the collagen network characteristic for AC, was
developed. To the best of our knowledge this is the first poroviscoelastic fibril-
reinforced cartilage model ever published. Also, it is the first cartilage model to
incorporate the arcade structure of the collagen fibrils. It was demonstrated that with
this model the deformation of the collagen fibrils, as well as their stresses and strains,
can be calculated. It was also exhibited that fibrils at the same location can be stressed
differently, depending on the architecture of the collagen network.

We conclude that the local stresses and strains in the AC are highly influenced by
the local morphology of the collagen fibril network. We believe that to predict cartilage
damage and adaptation the specialized collagen fibril-network morphology must be
considered.
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6.1 Introduction

Biological tissues like intervertebral discs and articular cartilage primarily consist of
interstitial fluid, collagen fibrils and negatively charged proteoglycans. Due to the
fixed charges of the proteoglycans, the cation concentration inside the tissue is higher
than in the surrounding synovial fluid. This excess of ion particles leads to an osmotic
pressure difference, which causes swelling of the tissue [45].

Mow et al. [104] formulated a biphasic mixture theory for articular cartilage (AC)
where the collagen–proteoglycan matrix is described as an incompressible porous-
permeable solid matrix, and the interstitial fluid as incompressible. Lai et al. [113]
derived a small deformation mechano-electrochemical extension of this biphasic
theory. The three phases included in this theory were an incompressible solid, an
incompressible fluid and a monovalent ionic phase. This theory was generalised to
finite deformations by Huyghe and Janssen [164]. Gu et al. [111] generalised the
theory for multiple electrolyte systems.

In order to apply the mechano-electrochemical theory to large biological systems, or
applied (bio)mechanical problems, the mechano-electrochemical constitutive equations
must be implemented into a finite element (FEA) model. Simon et al. [242] proposed a
poroelastic finite element formulation that included transport and swelling effects in
soft tissue. Frijns et al. [193] implemented the mechano-electrochemical model in a
finite element model and verified it experimentally relative to one-dimensional
transient behavior of annulus fibrosis tissue. Levenston et al. [243] developed a
variational theory for quasistatic analyses of coupled electrokinectic and fluid flow in
porous media with intrinsically incompressible constituents, and tested this theory for
several axisymmetric problems.  Sun et al. [244] developed a FEA formulation
including the coupling between mechanical, electrical and chemical events in AC. The
model of Frijns et al. [193] has recently been validated by comparing its results to the
analytical solution of van Meerveld et al. [245]. Van Loon et al. [246] extended this
model to three dimensions. The result of this work is that we are able to solve in 3D the
effects of mechanical and chemical stimulation on the transient behavior of swelling
materials. However, as these models are complex and computationally expensive, it is
only possible to solve geometrically relatively small problems. Furthermore, there is
still no commercial finite element tool that includes the mechano-electrochemical
theory.

Lanir [247] hypothesized that the chemical potential responds to changes in the local
ionic environment with a time constant which is an order of magnitude shorter than the
permeability and mechanical time constants. Hence, the effect of time on ion
concentration, and thereby on the osmotic pressure, can be neglected. If this
assumption is correct, then the ion concentration can be assumed in local equilibrium,
depending only on the external salt concentration and the fixed charged density, which
is a function of the deformation. Note that the deformation is a function of time. If
Lanir’s hypothesis is correct and assuming a constant external ion concentration, the
swelling behavior of cartilage would only be determined by the deformation of the
solid and by fluid flow. Hence, the swelling behavior of soft hydrated tissues might be
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described by adding a deformation-dependent pressure term to the standard biphasic
model [247]. This would make modeling of swelling behavior of soft hydrated tissues
easier and computationally less expensive. However, the hypothesis that the ion flow is
infinitely fast compared to the fluid flow, is not correct for biological tissues in general.

The goal of the study was to test whether Lanir’s hypothesis could be used to
determine deformation as a result of mechanical and chemical loading for a range of
material properties. Therefore, we developed a biphasic swelling finite element model,
based on the hypothesis of Lanir [247], and compared its swelling and compression
behavior with the results of the full mechano-electrochemical finite element model of
Frijns et al. [193]. Based on the results we derived equations, which can be used to
determine the correlation in global deformation between the biphasic swelling and full
mechano-electrochemical model, and thereby can be used to determine when the
swelling of a soft hydrated tissue can be described by using a biphasic swelling model,
or when a full mechano-electrochemical model is preferred.

6.2 Method

Following Lanir [247], assuming that the tissue consists of a compressible porous
matrix, consisting of an incompressible solid, hydrated with an incompressible fluid,
the total stress in the tissue is given by

sp σIσ +−= , (6.1)

where p is the hydrostatic fluid pressure, σs the effective stress  and I the unit tensor.
Due to the fixed charges, the cation concentration inside the tissue is higher than in the
surrounding synovial fluid. This excess of ion particles within the matrix creates a
pressure referred to as Donnan osmotic pressure, which is a driving force for fluid
flow. If we include the osmotic pressure in Eq. 6.1, the total tissue stress becomes

s
f

σIσ +∆+−= )( πµ , (6.2)

where µf is the water chemical potential and ∆π the osmotic pressure gradient, which is
given by

extπππ −=∆ . (6.3)

The internal (π) and external osmotic pressures (πext) are given by [164]

)( −+ += ccRTφπ , (6.4)

with φ the osmotic coefficient, R the gas constant, T the absolute temperature and c+

and c- the concentrations of mobile cations and anions. Since the osmotic components
are assumed to equilibrate instantaneously with the external bath, only the ion
concentrations in equilibrium have to be determined. These equilibrium ion
concentrations are given by [164]
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where cext is the external salt concentration, cF the fixed charge density and γ
α
 the

activity coefficients. When assuming that γext
± and γint

± are equal [40,44] and by
substituting Eq. 6.5 and 6.4 into Eq. 6.3 the osmotic pressure gradient in equilibrium
becomes

extextextFint RTcccRT φφπ 24 22 −+=∆ . (6.6)

When assuming that the external salt concentration and temperature stay constant, the
only non-constant in this equation is the fixed charge density (cF). This fixed charge
density can be expressed as a function of the tissue deformation, as
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where nf,0 is the initial fluid fraction, cF,0 the initial fixed charge density and J is the
determinant of the deformation tensor F. Since the osmotic pressure in equilibrium is
only a function of the deformation tensor F, it can easily be implemented in a
commercial finite element package.

For this study we added osmotic swelling behavior to the standard biphasic model in
ABAQUS using the subroutine UMAT. To include the osmotic pressures we
implemented the total solid stress (σs’) as the actual solid stress (σs) minus the osmotic
pressure (∆π)

Iσσ π∆−= ss
' (6.8)

with ∆π as given in Eq. 6.6. Hence, Eq. 6.2 becomes
'
s

f
σIσ +−= µ (6.9)

Note that the pore pressure p in the biphasic model is replaced by the electro-chemical
potential µf. In appendix B the total set of equations of both the regular biphasic and
biphasic swelling theory are given. For the behavior of the actual porous solid matrix a
compressible neo-Hookean model was used [246,248],

)(
1

2

1 3/2 IFFIσ J
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J
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s −⋅+




 −= . (6.10)

The bulk modulus (K) and shear modulus (G) are defined as

)21(3 ν−
= E

K (6.11)



A comparison between mechano-electrochemical and biphasic swelling theories for soft hydrated tissues   55

)1(2 ν+
= E

G , (6.12)

where E is the Young’s modulus and ν the Poisson’s ratio.

To test the hypothesis that global deformation of the material is correctly determined
(under mechanical and chemical loading) when the ion concentration is always
assumed in equilibrium, we compared our biphasic swelling model with the mechano-
electrochemical model [193]. To be able to compare both models the behavior of the
solid matrix of the model of Frijns et al. [193] was replaced with the compressible neo-
Hookean model as given in Eq. 6.10.

Figure 6.1: Schematic representation of a confined compression / free swelling test: (a)
a cylindrical disc of tissue (thickness h), is placed inside a confined compression
chamber with an impermeable piston on top and a permeable filter at the bottom. (b)
At t=0 either a pressure P is applied to the piston (confined compression) or the
external salt concentration is changed to c* (free swelling). At t=t* the external force
is removed or the external salt concentration is returned to cext.

The models were compared under confined compression and 1D swelling conditions.
We considered an open circuit system in which there is no streaming current over the
sample. For the modeling of an open circuit system the hydraulic permeability of the
biphasic swelling model was adjusted (appendix C). For the modeling of the confined
compression and 1D swelling tests a cylindrical disc of tissue (thickness h),
equilibrated in a NaCl solution with a concentration of cext, is placed inside an
impermeable confined compression chamber (Figure 6.1a). This confining cylinder has
an impermeable piston on top and a permeable filter at the bottom. At t=0 a pressure P
is applied to the piston (confined compression) or the external salt concentration is
changed to c* (free swelling) (Figure 6.1b). At t=t* the external pressure is removed or
the external salt concentration is returned to cext. For every test t* was 1.5 times the
relaxation time of the biphasic swelling model. For all tests the timesteps were t*/50.
The relaxation time of the biphasic swelling model was determined from a first
simulation of the biphasic swelling model with a timestep of 1 second.

Tissue Sample

cext

h

P

Rigid impermeable
piston

Impermeable
frictionless
confining chamber

Permeable filter

F, c*

t=0 t=t* t=2t*

(a) (b)

p=0
c=cext
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At the surface of the permeable filter, where free fluid flow is possible, the electro-
chemical potential inside and outside the tissue must be the same

f
ext

f µµ = . (6.13)

The difference between the biphasic swelling model and the mechano-electrochemical
model was determined for a wide range of material properties. All these parameter sets
are variations on a reference set of realistic material properties for AC (Table 6.1).

As variations on the reference case D+ and D- were varied between 5⋅10-5 and 8⋅10-1

mm2/s, k between 1⋅10-6 mm4/Ns and 1⋅10-2 mm4/Ns, cext between 1⋅10-6 and 3⋅10-4

mmol/mm3, cF,0 between 1⋅10-4  and 5⋅10-4 meq/mm3, E between 0.1 and 0.5 MPa.
Besides the material properties, the external pressure P was varied between 5⋅10-2 and
5⋅10-1 MPa and external salt concentration c* was varied between 1⋅10-5 and 2⋅10-3

mmol/mm3. First all these parameters were changed individually. After this several
randomly selected combinations of these variations were used.

The internal osmotic coefficient was assumed a linear function of the initial fixed
charge density. Since the internal osmotic coefficient (φint) should be equal to the
external osmotic coefficient (φext) for a fixed charge density of zero, and is
approximately 0.83 for a fixed charge density of 2 ⋅10-4 [45], φint was computed as
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Table 6.1: Material properties of the reference case [193,246,249]
C* = 1⋅10 –4 mmol/mm3 P = 0.25 MPa
cext = 1.5⋅10 –4 mmol/mm3 R = 8.3145 Nmm/mmol K
cF,0 = 2⋅10 –4 meq/ mm3  r = 0.4
D- = 8⋅10 -4 mm2/s T = 298 K
D+ = 5⋅10 -4 mm2/s V- = 15.17 mm3/mmol
E = 0.5 MPa V+ = 2.33 mm3/mmol
F = 96.4853 C/mmol z- = -1
h = 0.5 mm z+ = 1
k = 1⋅10 -3 mm4/Ns φext = 0.924
nf,0 = 0.75 ν = 0.15

To compare the biphasic swelling model and the mechano-electrochemical model we
compared the global strain curves. This was done for both the confined compression
and 1D swelling tests. To quantify the difference between the two models the
coefficient of determination values (R2) between the strain curves were computed. The
R2 values were computed per test case, for the loading and unloading parts separately.
From these results a simple rule was derived, which can be used to determine when a
biphasic swelling model can be used and when a mechano-electrochemical model
should be used to describe tissue deformation.
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To test if the biphasic swelling model can also be used in 2D, we compared the
response of the biphasic swelling model in a 2D situation to the response of the full
mechano-electrochemical model of van Loon et al. [246]. For the 2D simulation we
used a rectangular mesh (10×5 mm) of 400 plane strain pore pressure elements (Figure
6.2).

Figure 6.2: Finite element mesh and boundary conditions of the 2D simulation.

The nodal displacements at the bottom plane were confined in all directions. The
displacements of the nodes on the left side of the model were confined in the x-
direction. At the right edge free fluid flow was allowed. The nodes on the top plane
were tied so that they stay on a straight horizontal line. At the start of the simulation
the external salt concentration was lowered from 0.15 to 0.05 M, after which the model
was left to equilibrate for 4⋅105 seconds. In the second step a pressure of 0.1 MPa was
applied at the top surface in 50 seconds, after which the model was left to equilibrate
for 4⋅105 seconds.  The same material properties were used as in the reference set
(Table 6.1). To prevent numerical problems with the mechano-electrochemical model,
the Youngs modulus was increased to 1 MPa in both models.

As there is no analytical relationship between the hydraulic permeability of the
biphasic swelling and full mechano-electrochemical model for 2D and 3D, the
hydraulic permeability of the biphasic swelling model was determined by fitting the
model to the results of the full mechano-electrochemical model. The fitting procedure
was performed iteratively using a multidimensional unconstrained nonlinear
minimization procedure available in Matlab Version 5.3 (The MathWorks Inc., 1984-
1999) [250 (Chapter 5)]. To compare the biphasic swelling and full mechano-
electrochemical, the displacement of the top-right node was compared.

6.3 Results

To illustrate the difference in deformation between an ordinary biphasic model, the
biphasic swelling model and the mechano-electrochemical model following

l=10 mm

h=5 mm

P

cext
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aforementioned loading regimes, the calculated global strains for the reference case are
plotted in Figure 6.3 and Figure 6.4, respectively.

The equilibrium responses of the biphasic swelling model and the mechano-
electrochemical model were equal for both the confined compression test and the 1D
swelling tests, while the equilibrium strain for the regular biphasic model was lower in
confined compression.  For the swelling test obviously no straining occurred for a
regular biphasic model. In all cases (loading and unloading parts of the confined
compression tests and the swelling and shrinking parts of the 1D swelling tests) the
errors were maximal just after changing the loading conditions. There was only alittle
difference between the maximal error (the strain difference between biphasic swelling
and mechano-electrochemical model divided by the maximal strain of mechano-
electrochemical model) in the swelling (0.0106) and shrinking part (0.0113) of the 1D
swelling test. The maximal error in the relaxation part of the confined compression test
(0.0166) was half that of the loading part (0.0305).

Figure 6.3: Computed strain curves for
the confined compression simulations of
the reference case (the R2 values between
the biphasic swelling and the mechano-
electrochemical curves were 0.9571 and
0.9949 for the loading and unloading
part, respectively).

Figure 6.4: Computed strain curves for the
1D swelling experiments of the reference
case (the R2 values between the biphasic
swelling and the mechano-electrochemical
curves were 0.9560 and 0.9487 for the
swelling and shrinking part, respectively).

The local strains were computed, at the moment of the largest global difference
between the models during the loading part. It was found that error in the local strain
goes up to 39% (Figure 6.5) for confined compression and 30% for 1D swelling
(Figure 6.6). These maximal errors were found at the location of the lowest strains,
which were along the no flow boundary.
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Figure 6.5: Computed strain curves for
the confined compression simulations of
the reference case as a function of height
at t=144 s.

Figure 6.6: Computed strain curves for
the 1D swelling simulations of the
reference case as a function of height at
t=149 s.

For comparing the biphasic swelling model and the mechano-electrochemical model
the coefficients of correlation (R2) for the strain curves were determined. This was
done for the loading and unloading part separately. Using all resulting R2 values, two
dimensionless parameters were derived that predict the R2 between the biphasic
swelling model and the true mechano-electrochemical model, from known and easily
predicted quantities. For confined compression this dimensionless variable is given by:
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In these equations (D+D-)/(E2k2) is the ratio between the diffusional and consolidation
time [246], (cF,0/c0) is the ratio between the initial fixed charge density and the initial
external salt concentration, and J is the volume change.

In Figure 6.7 and Figure 6.8 the coefficients of determination are plotted as a
function of the variable fc and fs, respectively.

The R2 values for the unloading curve of the confined compression tests are larger
than for the loading curve, especially for low values of fc (Figure 6.7).  This difference
could not be seen in the swelling test (Figure 6.8).
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Figure 6.7: Correlation between the
biphasic swelling model and the
mechano-electrochemical model during
confined compression (R2=0.8828 for
loading and 0.7702 for unloading curves).

Figure 6.8: Correlation between the
biphasic swelling model and the
mechano-electrochemical model during
1D swelling (R2=0.98254).

To derive simple equations that can be used to quickly estimate the correlation between
the two models, curves were fitted through the data points in Figure 6.7 and Figure 6.8.
Because of the large difference between the R2 values of the loading and unloading
part of the confined compression tests, separate curves were used for the loading and
unloading part. The function found for the confined compression-loading curve was

( )cfef 6034.60078.01 −−= , (6.17)

and for the confined compression-relaxation curve
( )cfef 6631.40017.01 −−= . (6.18)

The values of f represent the correlation (R2) between the biphasic swelling and the full
mechano-electrochemical model. In the 1D swelling test the coefficients of
determination were very high for a large ratio between the swelling and consolidation
time (>100), regardless of the choice of the other material properties. Since there was
only a small difference between the swelling and shrinkage part of the 1D swelling
experiments, we only fitted one curve for the whole swelling experiment. The function
found for the 1D swelling experiment curve was

( )sfef 4149.31929.01 −−= . (6.19)

In this fit the data points with values of the ratio between the swelling and
consolidation time larger than 100 were not included, because they are not
physiological.

The maximal strains for the confined compression experiments ranged from 4 to
40% and the maximal strain for the swelling experiments ranged from -30% to -7%.
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For the 2D simulation the optimal permeability for the biphasic swelling model was
8.831⋅10-4 mm4/Ns. For the 2D simulations differences between the models were found
in the transient response during swelling (Figure 6.9). The equilibrium response after
swelling, the transient of the loading part and the equilibrium response of the loading
part were the same for both models (R2=1.00) (Figure 6.9).

Figure 6.9: Computed displacement curves for the 2D simulation. ux and uy are the
horizontal and vertical displacement of the top-right node of the model, respectively.

6.4 Discussion

Based on the hypothesis that electrolyte flux can be neglected in mechanical and
diffusion studies of charged materials [247] we have developed a biphasic swelling
model. This biphasic swelling model is a simplification of the full mechano-
electrochemical model [193,246]. It was shown that depending on the material
properties, the overall deformational behavior of both models was similar. Hence, the
biphasic swelling model can be a good alternative for the complex mechano-
electrochemical model for studying tissue deformation. This makes modeling of
swelling behavior of soft hydrated tissues much easier, and enables swelling simulation
in commercial finite element packages. Furthermore, the simulations are much more
stable and require less computation time.

It was found that the maximal errors in the local strains were larger than in the
global strains.

Since the local strains were computed at the moment of the largest global difference
between the models during the loading part, the results in Figure 6.5 and Figure 6.6
represent the worst case scenario. Although the maximal error in local strain in this
situation went up to 39%, the biphasic swelling model was still much better than the
regular biphasic model.

The aim of both models is to describe the behavior of soft hydrated tissues. This
requires the fitting of unknown material parameters to experimental data for both
models. We have recently shown that for our recently developed fibril-reinforced
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poroviscoelastic model all unknown material parameters could be determined this way
[250]. As there is no analytical relationship between the hydraulic permeability of the
biphasic swelling and the full mechano-electrochemical model for 2D and 3D, the
hydraulic permeability of the biphasic swelling model was determined by fitting the
model to the results of the full mechano-electrochemical model, using the same
procedure as previously used [250]. The optimal permeability found for he biphasic
swelling model was 11.96% lower then the hydraulic permeability of the full mechano-
electrochemical model. The large difference between the models seen during swelling
in 2D was caused by negative osmosis that occurred in the full mechano-
electrochemical model. Obviously, such effects are not included in the biphasic
swelling model as it assumes immediate ion equilibrium. Hence, the biphasic swelling
model should be used with care in interpreting the transient swelling. It should be
noted that negative osmosis has never been found experimentally. For this reason the
swelling part was excluded while fitting the hydraulic permeability of the biphasic
swelling model.

To be able to estimate the correlation between the biphasic swelling model and a full
electromechanical model, two dimensionless parameters (fc and fs) together with three
simple exponential equations were introduced. With these three equations the
correlation between the biphasic swelling model and full mechano-electrochemical
model can be estimated. All variables in these equations are known material
parameters, except for the volume change J, which can be estimated from initial test
simulations.

It should also be noted that if the model is applied to a particular material such as
AC, the unknown parameters are fitted to experimental data, independent of the full
mechano-electrochemical model. Obviously, if both models are fitted to experimental
data the difference between the models will be smaller than the differences that are
shown in this paper.

It was found that the R2 for the swelling experiments was always high for a high
ratio between the ion diffusion and consolidation time. This is an obvious consequence
of the assumption of zero ion diffusion time of the biphasic swelling model. It was also
found that the R2 for the relaxation of the confined compression test was higher than
for the loading curve.

Whether the biphasic swelling model can be a good alternative for the full mechano-
electrochemical model is highly dependent on what one is interested in. It has been
shown that the biphasic model can be used to describe the deformation of the soft
hydrated tissues. But since the ion flux in the biphasic swelling model is assumed
infinitely fast, this model can obviously not be used to investigate ion fluxes in soft
hydrated tissues. For these kinds of investigations a full mechano-electrochemical
model should be used.

Although the dimensionless variables in Eq. 6.15 and 6.16 should obviously include
the ratio between the diffusional and consolidation time and the ratio between the fixed
charge density and the external salt concentration, the actual forms of these equations
were determined by trial and error.
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In this study we used a compressible neo-Hookean model for the description of the
solid matrix. Since the same model for the solid matrix was used for the mechano-
electrochemical and biphasic-swelling model, the choice of this constitutive model is
not expected to influence the results as presented in this paper.

Even though for some sets of material parameters the maximal error between the
two models was more than 10%, the biphasic swelling model behaves more realistic
than a regular biphasic model (Figure 6.3 and Figure 6.4). Hence, if one does not have
access to a full mechano-electrochemical model, the biphasic swelling model is a
valuable alternative.

In summary: It was shown that depending on the material properties the biphasic
swelling model behaves largely the same as the full mechano-electrochemical model.
Hence, the biphasic swelling model can be a good alternative for the more complex
mechano-electrochemical model. Simple equations were derived which can be used to
quickly estimate the correlation between the two models.
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7.1 Introduction

Articular cartilage (AC) provides a low friction, wear resistant bearing surface in
diarthrodial joints and distributes stresses to the underlying bone. From a mechanical
point of view, the most relevant components of AC are the tight and highly organized
collagen network together with the charged proteoglycans. Due to the fixed charges of
the proteoglycans, the cation concentration inside the tissue is higher than in the
surrounding synovial fluid. This excess of ion particles leads to an osmotic pressure
difference, which causes swelling of the tissue [45]. The fibrillar collagen network
resists straining and swelling pressures [57]. This combination makes cartilage a
unique, highly hydrated and pressurized tissue, enforced with a strained collagen
network.

Many theories to explain AC behavior under loading, expressed in computational
models that either include the swelling behavior or the properties of the anisotropic
collagen structure, can be found in the literature.  Several models account for the
swelling behavior of cartilaginous tissues [113,164,193,244,246,251 (Chapter 6)].
These electro-mechanical models include three phases: an incompressible solid, an
incompressible fluid and an ionic phase. Other models account for the collagen
network [184,186,188,250].

Two of these also include the viscoelastic behavior of the collagen fibrils [188,250].
One model accounts for both the geometrically realistic collagen structure and its
viscoelastic properties [250 (Chapter 5)].

The most common tests used to determine the mechanical quality of AC are those of
confined compression, unconfined compression, indentation and swelling. All theories
described above can explain the cartilage response occurring in some of the above
tests, but none of them can explain these for all of the tests. Obviously, models that do
not account for the swelling behavior cannot explain swelling tests. Presently available
swelling models are isotropic and homogeneous and can therefore not explain the
results of indentation and unconfined compression tests accurately.

We hypothesized that a model including simultaneous mathematical descriptions of
(1) the swelling properties due to the fixed-charge densities of the proteoglycans and
(2) the anisotropic viscoelastic collagen structure, can explain all these tests
simultaneously. To study this hypothesis we extended our fibril-reinforced
poroviscoelastic finite element model [250 (Chapter 5)] with our biphasic swelling
model [251 (Chapter 6)]. The unknown material properties of the new model were
determined by fitting numerical data to experimental results of confined compression,
unconfined compression, indentation and swelling tests on samples of bovine AC.

7.2 Methods

7.2.1 Constitutive model
AC was assumed as biphasic [104]. The solid matrix consists of a swelling non-fibrillar
part representing the matrix, which contains mainly proteoglycans, and a fibrillar part
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  Arcade model of Benninghoff (1925)
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Deep zone
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representing the collagen network. Both the non-fibrillar and the fibrillar part of the
solid matrix were included in one continuum element.

Fibrillar part
The 3D-collagen network was captured as a combination of large primary collagen
fibrils and smaller secondary fibrils [250 (Chapter 5)]. As described in the arcade
model of Benninghoff [51], bundles of primary fibrils extend perpendicular from the
subchondral bone, split up close to the articular surface into fibrils, which curve to a
horizontal course, flush with the articular surface. Each vertical bundle was assumed to
split up in two different fibril directions, curving in radial direction (Figure 7.1).

Figure 7.1: Orientation of the primary fibrils as a function of depth. Right: cartoon of
the arcade model of Benninghoff [51]. Left: Orientation of two primary collagen fibrils
as implemented in the FEA model.

It was assumed that the orientation of the secondary fibrils is random. To limit the
computation time, the amount of secondary fibrils split off per material point was
reduced to 7: 3 running in the directions of the r-, θ- and z-axes, and 4 running in
directions between those axes. Hence, the total number of fibrils in each material point
is 9.

The viscoelastic behavior of the collagen fibrils was represented by a linear spring
(with spring constant E0), parallel to a nonlinear spring (with spring constant Eεεf) in
series with a linear dashpot (with damping coefficient η) (Figure 5.5b).

Assuming that the fibrils only resist tension, the stresses in the viscoelastic fibrils
are given by
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where σf and εf are the fibril stress and strain, respectively. This differential equation
was numerically integrated using an implicit backward Euler scheme. When the
relative amount of the primary compared to the secondary fibrils are taken into
account, the stresses in the primary and secondary fibrils are given by

fpf Cσσ =, (7.2a)

and

fsf σσ =, , (7.2b)

respectively. Here C is the amount of the primary fibrils with respect to the secondary
fibrils. The stress-strain behavior of the collagen fibrils is illustrated in Figure 7.1.

Figure 7.2: Mechanical response of the
viscoelastic collagen fibrils, for different
strain rates (E0=1 MPa, Eε=500 MPa,
η=1000).

Figure 7.3: Mechanical response of the
compressible neo-Hookean model in
confined compression (Em=0.5 MPa,
ν=0.1).

Non-fibrillar part
For the behavior of the non-fibrillar solid matrix a compressible neo-Hookean model
was used [251 (Chapter 6)],
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where J is the determinant of the deformation tensor F. The bulk (K) and shear moduli
(G) are defined as
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where Em is the Young’s Modulus and νm the Poisson’s ratio. The stress-strain behavior
of the neo-Hookean model used is illustrated in Figure 7.2.
The hydraulic permeability (k) was assumed to be void ratio-dependent [176], and is
given by [177]

M

e

e
kk 





+
+=

0
0 1

1
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with k0 the initial permeability, M a positive constant, and e and e0 the current and
initial void ratios, respectively. The fluid fraction in equilibrium was assumed to be
depth-dependent [239], as

*
, 15.085.0 zn eqf −= , (7.7)

where z* is the normalized depth of the sample (0 at the articular surface and 1 at the
cartilage bone interface).

Osmotic swelling
Due to the fixed charges of the proteoglycans, the ion concentration in the AC is higher
than in the surrounding synovial fluid. This excess of ion particles within the matrix
creates a pressure gradient referred to as Donnan swelling pressure gradient, which is
given by

extint πππ −=∆ , (7.8)

where the internal (πint) and external osmotic pressures (πext) are given by [164]

)( −+ += ccRTintint φπ , (7.9a)

extextextextextext RTcccRT φφπ 2)( =+= ++ , (7.9b)

where R is the gas constant, T the absolute temperature, c+ and c- the concentrations of
mobile cations and anions, and φ the osmotic coefficient. The equilibrium ion
concentrations are given by [164].
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where cext is the external salt concentration, cF the fixed charge density and γ
α
 the

activity coefficients. By substituting Eq. 7.10 into Eq. 7.9 the osmotic pressure gradient
in equilibrium becomes
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The osmotic (φ
α
) and activity coefficients (γ

α
) are implemented as proposed by Huyghe

et al. [194]. During all simulations T was 293 K and R was 8.3145 Nm/mol. Based on
literature data [119,252,253] the equilibrium fixed charge density was assumed to be

*
, 09.011.0 zc eqF += , (7.12)

Chemical expansion
Another type of swelling stress is due to chemical expansion, which is caused by the
repulsion between large negative groups in the solid matrix. Lai et al. [113] proposed
for the chemical expansion-stress
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with a0 and κ material constants. The behavior of the osmotic swelling pressure and
chemical expansion stress as a function of volumetric strain and external salt
concentration is illustrated in Figure 7.4.

Figure 7.4: (a) Osmotic pressure gradient (∆π) and chemical expansion stress as a
function of volumetric strain (c0=0.15 M) (b) Osmotic pressure gradient (∆π) and
chemical expansion stress as a function of external salt concentration at zero strain
(T=293 K, R=8.3145 Nmm/mmol K, c0=0.15 M, cF=0.2 meq/mm3, a0=2.5 MPa ml
/meq, κ=9 M-1).

Implementation
When assuming that the ion concentration is always in equilibrium [247,251 (Chapter
6)], the only variable in Eq. 7.11 and 7.13 is the fixed charge density (cF), which can be
expressed as a function of the tissue deformation, as
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where nf,0 is the initial fluid fraction and cF,0 the initial fixed charge density. Since the
osmotic pressure and chemical expansion stress in an equilibrium state are only
functions of the deformation tensor F, they can easily be implemented in a commercial
finite element package [251 (Chapter 6)].

At each integration point the total stress is given by the sum of the stresses in the
non-fibrillar matrix and all fibril stresses, as

IIIσσσ
f
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−

1
,)1( , (7.15)

where µf is the chemical potential [251 (Chapter 6)] and σi
f,global as in [250 (Chapter 5)],

and ρc is collagen density [250 (Chapter 5)].
The model was implemented in ABAQUS v6.3 (Hibbitt, Karlsson & Sorensen, Inc.,

Pawtucket, RI, USA). An updated Lagrange procedure was used to account for
geometric non-linearities. Details about the implementation can be found in earlier
work of the authors, concerning the swelling part [251 (Chapter 6)] and the fibril-
reinforced part [250 (Chapter 5)].

7.2.2 Fundamental discrepancy between initial conditions in experiments
and in models.

Normal cartilage is in equilibrium with a physiological salt solution (0.15 M NaCl).
The FEA always starts without swelling. Hence, the model has to equilibrate to a 0.15
M NaCl solution first. Since the material properties, like fluid fraction, fixed charge
density, fibril orientation and cartilage thickness, are derived from measurements of
cartilage in swollen equilibrium, the initial material properties of the model must be
estimated for which an initialization run is needed. In this case the model is allowed to
equilibrate to an external salt solution (cext) of 0.15 M. We started with the equilibrium
material properties as found in literature, and kept fluid fraction, fixed charge density,
fibril orientation constant, by continuously resetting the parameters to their initial
values after each iteration. The initial fluid fraction, fixed charge density, fibril
orientation, sample height and initial void ratios were determined by
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where v
r

eq is the fibrils orientation in equilibrium.  Note that since the void ratios can
not be held constant in ABAQUS, the equilibrium void ratios in the initiation run are
higher than the values computed from the equilibrium fluid fraction. Since the effect of
the initial void ratio on the volume change is very small, the volume changes, and
thereby changes in fluid fraction can be assumed correct. Hence, the computed initial
material properties can also be assumed correct.

After determining the initial material properties with Eq. 7.16-7.20, these properties
are used as input for the actual simulation. Every calculation has to start with a step in
which the model is allowed to equilibrate to an external salt solution of 0.15 M NaCl. It
was determined that after this equilibrium the maximum error in equilibrium properties
(nf,eq, cF,eq, v

r

eq, heq, e0,eq) compared to the desired values was less than 1%.

7.2.3 Determination of the material properties
The unknown material properties are Em, νm, k0, M, E0, Eε, η, C, a0 and κ. νm was
assumed to be 0.01. Em, a0 and κ were determined by fitting them to the results of a 1D
swelling experiment [254] and the equilibrium response of a confined compression
experiment [189]. The properties k0, M, E0, Eε, η and C were subsequently determined
by fitting them to the results of confined compression, unconfined compression and
indentation experiments by DiSilvestro and Suh [189].

The fitting procedures were performed iteratively, using a multidimensional
unconstrained nonlinear minimization procedure available in Matlab Version 5.3 (The
MathWorks Inc., 1984-1999). From within this procedure ABAQUS was called to
simulate the experiments. The reaction forces and lateral displacements (unconfined
compression) were then transferred into Matlab. The confined compression,
unconfined compression and indentation data were normalized in the same way as by
DiSilvestro and Suh [189]. In order to be comparable with the single value for their
lateral displacement, the lateral displacements from the unconfined compression test
were averaged over the height of the sample. For determining the non-fibrillar material
properties we used the objective function
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and for determining the fibrillar material properties
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where FEXP,α and FFEM,α are the experimental and numerical reaction forces,  uEXP,α and
uFEM,α  the experimental and numerical lateral displacements and n, m, and p are the
number of data points. The subscripts s, c, u and i stand for swelling, confined
compression, unconfined compression and indentation, respectively. Since the fibril
properties influence the initial swelling computed, they might influence the fit of the
non-fibrillar matrix properties. Therefore, two fitting processes were alternatingly
repeated until no more changes in material parameters occurred.

7.2.4 Finite element modeling
1D swelling
The swelling test was limited to a 1-dimensional model, using an axisymmetric finite
element mesh, consisting of a single column of 25 axisymmetric pore pressure
elements (CAX4P) (Figure 7.5).

Figure 7.5: 1D swelling mesh (h=0.6 mm).

Since Eisenberg and Grodzinsky [254] removed the top 2.5% and bottom 37.5% of
their full thickness cartilage samples, we set the normalized depth z* in Eq. 7.7 and
7.12, from 0.025 to 0.625. The nodal displacements at the bottom plane were confined
in z-direction.  The displacements of all nodes were confined in radial direction. At the
top of the model, zero pore pressure was prescribed, i.e. fluid can flow in and out
freely. All other surfaces were assumed to be impermeable. The mesh was axially
compressed by 15%. After full relaxation, the external salt concentration was
decreased to 0.0001 M. After equilibrium was reached the salt concentration was
increased to 0.05 M. After equilibrium the salt concentration was increased with 0.05
M. This process was repeated until an external salt concentration of 2 M was reached.
During this process the height of the sample was held constant, while the axial reaction
forces were computed.
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Confined compression
For the confined compression test an axisymmetric finite element mesh was used,
consisting of 380 linear axisymmetric pore pressure elements (CAX4P) (Figure 7.6).
The nodal displacements at the bottom plane were confined in z-direction. The
displacements of the nodes at the symmetry axis were confined in radial direction. A
rigid impermeable indentor with a radius of 1.46 mm was placed on top of the AC. At
the nodes on the bottom plane and at the nodes in the top plane, which do not lie under
the indentor, zero pore pressure was applied. The indentor was pushed down until 10%
strain was reached.  At the same time radial displacement of 0.045 mm was applied at
the edge. After full relaxation, an additional 5% strain at a ramp strain rate of 0.001 s-1

was applied. This strain was held constant until full relaxation occurred. While the
additional 5% straining and relaxation occurred, axial reaction forces were computed.

Figure 7.6: Confined compression mesh (r0 =1.5 mm, rc=1.545 mm, rind=1.46 mm,
h=1.281 mm). These dimensions were directly taken from DiSilvestro and Suh [189].

Unconfined compression
For the unconfined compression test an axisymmetric finite element mesh was used
[250 (Chapter 5)], consisting of 750 linear axisymmetric pore pressure elements
(CAX4P) (Figure 5.6). The nodal displacements at the bottom plane were confined in
z-direction. The displacements of the nodes at the symmetry axis were confined in
radial direction. At r=r0, zero pore pressure was prescribed, i.e. fluid can flow in and
out freely. The mesh was axially compressed by 10%. After full relaxation, an
additional 5% strain at a ramp strain rate of 0.001 s-1 was applied. This strain was held
constant until full relaxation occurred. While the additional 5% straining and relaxation
occurred, axial reaction forces were computed.

Indentation
For simulation of the indentation test an axisymmetric finite element mesh was used
[250 (Chapter 5)], consisting of 600 linear axisymmetric pore pressure elements
(CAX4P) (Figure 5.7). The nodes at the bottom plane were confined in all directions.
The displacements of the nodes at the symmetry-axis were confined in radial direction.
At z=h, with rind < r ≤ r0, zero pore pressure was prescribed. At the center, a rigid
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impermeable indentor with a radius of 1.53 mm was placed on top of the AC. The
indentor was pushed down until 10% strain was reached. After full relaxation, an
additional 5% strain at a ramp strain rate of 0.001 s-1 was applied. This strain was held
constant until full relaxation occurred. While the additional 5% straining and relaxation
occurred, the axial reaction forces were computed.

7.3 Results

To determine the unknown material parameters of the fibril-reinforced poroviscoelastic
swelling FEA model, reaction force and lateral displacements during 1D swelling,
confined compression, unconfined compression and indentation tests as computed with
the model were fitted to the experimental data of DiSilvestro and Suh [189] and
Eisenberg and Grodzinsky [254]. The resulting fibril-reinforced poroviscoelastic
swelling model parameters characterizing normal bovine AC were determined at
Em=0.3706 MPa, a0=1.230 MPaml/meq, κ= 11.26 M-1, k0=1.522·10-15 m4/Ns, M=5.661,
E0=18.25 MPa, Eε=2270 MPa, η=10953 and C=3.009.

For the 1D swelling test the normalized reaction force is almost in perfect agreement
with the experimental data (Figure 7.7). The coefficient of determination (R2) of the
1D swelling test was 0.99.

For the first part of the loading curve of the confined compression test our model
predicted a slightly higher reaction force than found in the experiments (Figure 7.8).
The coefficient of determination (R2) of the confined compression test was 0.96.

Figure 7.7: Axial reaction force,
normalized with the reaction force at an
external salt concentration of 2 M,
measured from 1D swelling tests [255]
along with reinforced curve fit.

Figure 7.8: Axial reaction force,
normalized to equilibrium, measured
from confined compression tests [189]
along with model curve fit.

For the unconfined compression test both the FEA reaction force and lateral
displacement lie well within the experimental range found by DiSilvestro and Suh
[189] (Figure 7.9). The reaction force was slightly lower during the relaxation part
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(Figure 7.9a), while the lateral displacement was slightly greater during the loading
part compared to the data of DiSilvestro and Suh [189] (Figure 7.9b). The coefficients
of determination (R2) were 0.96 and 0.87 for the reaction force and lateral
displacement in unconfined compression, respectively.

Figure 7.9: (a) Axial reaction force, normalized to equilibrium, measured from
unconfined compression tests [189] along with fibril-reinforced model curve fit. (b)
Lateral displacement, measured from unconfined compression tests [189] along with
model curve fit.

For the indentation test, the model described a delayed increase of the reaction force
during the loading part (Figure 7.10). The coefficient of determination (R2) was 0.86
for the indentation test.

Figure 7.10: Axial reaction force, normalized to equilibrium, measured from
indentation tests [189] along with model curve fit.
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7.4 Discussion

The fibril-reinforced poroviscoelastic swelling (FPVES) model of AC presented in this
paper incorporates the ultrastructural 3D architecture of the viscoelastic collagen
network and the chemical and osmotic swelling behavior of AC. With this model the
reaction force during 1D swelling, confined compression, indentation and unconfined
compression, as well as the lateral deformation during unconfined compression, could
be accounted for simultaneously. Some of the required material properties were taken
directly from the literature, while others were calculated from fits to published
experimental data.

Since swelling pressures, included in our model, greatly contribute to the overall
stiffness of the non-fibrillar matrix, the value found for the Young’s modulus of the
non-fibrillar matrix was much lower than reported in the literature [189,256]. The
values found for the constants a0 and κ were in the same range as found by Lai et al.
[113]. The value found for the permeability k0 corresponded well with those found in
the literature [48]. The confined compression test was very sensitive to the factor M.
For values larger than 4 the reaction force (Figure 7.8) peaked sharply. Since the
confined compression test was not used in Wilson et al. [250 (Chapter 5)] the value
found for M in this paper is lower then found in [250 (Chapter 5)] (2.402 instead of
7.081). The values found for E0, Eε, η and C were higher than previously found [250
(Chapter 5)], because in this paper only 7 secondary fibrils and 2 primary fibrils were
included. The ratio between E0 and Eε was similar to the one found by Li et al.
[184,186] and Wilson et al. [250 (Chapter 5)].

When fitting multiple material parameters the question is always whether a unique
fit has been obtained. To ensure this, the fit was repeated several times with different
initial parameters.

Although our model corresponds well with experimental data, there are slight
differences. Essential parameters, including collagen content and orientation, fluid
fraction and fixed charge density distribution were not measured in the same type of
AC as cited in mechanical experiments used in this paper [189,254].  A possible
mismatch may account for part of the differences between model and experimental
data.

Although the samples used by Eisenberg and Grondzinksy [254] and by DiSilvestro
and Suh [189] were both taken from mature 1 to 2 year old cattle, they were taken from
different locations, the femoropatellar groove and patella, respectively. Since it is
known that cartilage from different locations can have different mechanical properties
[48], this might also have caused a mismatch between the model and the experimental
data.

In our model it was assumed that there are no internal stresses and strains when the
cartilage is equilibrated in a hypertonic solution. At the beginning of our simulation we
started with no swelling (hence, a stress-free state), and then let the model equilibrate
to an external solution of 0.15 M, assuming that this provides an accurate and realistic
representation of the initial mechanical conditions of the explant.
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Although the collagen structure used is derived from experimental data [51,231] it is a
simplification relative to the actual one. In our current model, the primary fibril
organization was based on the arcade model of Benninghoff [51], which is valid in the
central part of load bearing AC [231]. However, the structure may vary between joints
and the actual orientations in the samples tested were unknown.

In our model the depth dependent stiffness of the non-fibrillar matrix [241] was not
explicitly taken into account. As shown by Chen et al. [119], depth dependent stiffness
is mainly caused by depth dependent swelling properties of the cartilage. Since depth
dependent swelling properties are incorporated in our model, we believe that the error
due to the absence of depth dependent matrix stiffness is small.

The viscoelastic and anisotropic properties of the biphasic non-fibrillar matrix [91]
were also not included in this model. Although we anticipate that the major viscoelastic
and anisotropic properties of the solid matrix come to the account of the fibrillar part,
such properties of the non-fibrillar part may also explain part of the mismatches
between the model and the experimental data.

We assumed that the ion flux is infinitely fast. We have previously shown that the
effect of this simplification is relatively small [251 (Chapter 6)]. Nonetheless, it
induces a small error. The model was fitted on data sets from different authors, who
used different sources for their samples. The swelling experiment was performed on
bovine femoropatellar groove cartilage [254], while the tests by DiSilvestro and Suh
[189] were performed on bovine patellar cartilage. To minimize the influence of
different types of cartilage, we normalized the swelling data.

Another possible cause for the small mismatches between the model and the
experimental data, could be a misinterpretation in the conductance of the confined
compression experiment, as discussed by DiSilvestro and Suh [189]. We, however,
believe that the influence of a possible inaccuracy of the experimental setup is not as
large as suggested by DiSilvestro and Suh [189] themselves. One of the reasons for
them to believe that their confined compression results were incorrect, was the
mismatch between their experimental data and their numerical model. Since an
isotropic model can not account for the behavior of AC in both confined and
unconfined compression at the same time [169], an anisotropic model, such as
presented in this paper, is needed. Since the model of DiSilvestro and Suh [189] did
not include any anisotropy, their model is principally incapable of fitting these data
simultaneously. This could, for a large part explain, the differences between their
numerical and experimental results.

Huang et al. [257] recently developed a biphasic-CLE-QLV model that includes
both tension-compression non-linearity and the intrinsic viscoelasticity of the solid
matrix. The main advantage of our model compared to the model of Huang et al. [257]
is that also the swelling behavior of the AC has been included. Furthermore, the current
model enables the calculation of the stresses and strain in a realistic collagen structure.

Sun and Leong [195] have recently developed a non-linear hyperelastic fiber-
reinforced continuum mixture theory model that can account for tension-compression
non-linearity, osmotic swelling, pressurization, electrical potential and current, and
water and ion transport as well as electroneutral nutrient transport. The main advantage
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of our model compared to the model of Sun and Leong [195] is that it is
computationally less expensive and that it can account for large deformations.
However, our model can not account for electrical current and ion transport.

In conclusion, a new fibril-reinforced poroviscoelastic swelling (FPVES) model for
AC was developed. This model includes the complex arcade structure of the collagen
network, characteristic for AC, as well as the chemical and osmotic swelling properties
of AC. We have shown that this model can appropriately fit confined compression,
swelling, unconfined compression and indentation experiments with a single set of
material parameters. Using this theory it is possible to analyze the link between the
collagen network and the swelling properties of AC. This can be used to study cartilage
physiology and pathology. Furthermore, the effect of loss of proteoglycans or collagen
damage can be studied with this model. We believe that this model will be a useful tool
for studies of mechanical behavior and damage mechanisms of AC.
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8.1 Introduction

Osteoarthritis, which involves degeneration of articular cartilage (AC), is the most
common cause of disability in the elderly. The initially observed event in cartilage
degeneration and osteoarthritis is swelling [30,31,32,133] which can theoretically
result from damage to the strained collagen network, or from abnormal swelling as the
result of an increased concentration of proteoglycans (PG’s). To understand this
pathological swelling first the swelling behavior of healthy cartilage must be
understood.

AC can be considered as a solid matrix, saturated with water and mobile ions.  The
solid matrix consists of chondrocytes embedded in an extracellular matrix. From a
mechanical point of view, the most relevant components of AC are the tight and highly
organized collagen network, together with the charged PG network. Due to the fixed
charges of the PG’s, the cation concentration inside the tissue is higher than in the
surrounding synovial fluid. This excess of ion particles leads to an osmotic pressure
difference, which causes swelling of the tissue [258]. Another cause of swelling in AC
is caused by repulsion of the closely spaced negatively charged groups of the PG’s
[113]. The fibrillar collagen network provides resistance against tensile strains and
against the swelling pressures caused by the proteoglycans [259]. This combination
makes cartilage a unique, highly hydrated and pressurized tissue, enforced with a
strained collagen network.

By changing the external salt concentration the osmotic pressure difference between
the tissue and its surroundings is changed as well. Hence, changes in external salt
concentration result in shrinking or swelling of the tissue. This method was often used
to study the swelling behavior of AC [33,254,260,261,262,263,264]. However, because
different setups were used, these studies are difficult to compare, and are sometimes
conflicting. This is illustrated below.

Parson and Black [260] measured the thickness of adult-rabbit femoral-condylar
cartilage, with subchondral bone intact, and found changes of approximately 5% after
the external salt concentration was varied between 0.03 and 0.75 M NaCl. Mow and
Schoonbeck [261] performed one-dimensional free swelling experiments on cartilage
plugs (fixed to the bone), and discs (separated from the bone) taken from
femoropatellar grooves of immature steers. They found 6 and 27% swelling strains
after the external salt concentration was changed from 2.5 to 0 M NaCl for plugs and
discs, respectively.  Eisenberg and Grodzinsky [254] performed confined swelling
experiments on cartilage samples from the femoropatellar groove of 2-year-old cattle,
in which changes in swelling pressure were measured as a function of external salt
concentrations under constant strain. From these results they calculated the total strain
expected in free swelling. They found 2.6% swelling strain after the external salt
concentration was reduced from 2 to 0 M NaCl. Narmoneva et al. [264], optically
measured the free swelling strain in full thickness cartilage specimens of mature
mongrel dogs, that were still fixed to the bone. They found free swelling strain of 1.5%
for the top layer of the AC and –2% for the bottom layer, after changing the external
salt concentration from 2 to 0.015 M NaCl.
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Hence, the free swelling strains found in the literature vary from 2.6 to 27%. It is
unlikely that this 10-fold difference in swelling strains can be explained by differences
in cartilage origin or species. After an evaluation of the different testing methods, we
hypothesize that these differences can be explained by collagen damage induced during
sample preparation. When osteochondral plugs are cored out of the joint, the collagen
network at the edges of the sample is inevitably damaged. Hence, at the edges the
collagen network can no longer withstand the swelling pressures inside the tissue,
which will result in larger swelling strains at the edge compared to the center of the
sample (Figure 8.1).

Figure 8.1: Proposed swelling at rim of the drilled cartilage plugs caused by local
damage to the collagen network. hconf and hind are the sample height that will be
measured during confined compression and indentation, respectively.

For the discs this effect occurs both at the bottom and at the top of the sample. Hence,
it is expected that this effect is larger for cartilage discs than for osteochondral plugs,
which corresponds with the findings of Mow and Schoonbeck [261]. As mentioned
above, the samples in the test of Eisenberg and Grodzinsky [254] were constantly
under 15% compression. As collagen fibers do not offer large resistance to
compression, due to their slender aspect ratios (ie., length/diameter) [53,54], the
collagen network is not believed to play a role in the measured swelling pressures.
Hence, possible damage to the collagen network at the edges of the samples is not
expected to influence their results. As Parson and Black [260] used intact joints in their
experiments, collagen damage was not likely.

The aim of this study was to determine whether collagen damage caused during
sample preparation can indeed explain the differences in swelling strains found in the
literature. For this purpose the influence of damaged edges and separation from the
underlying bone was determined using our recently developed fibril-reinforced
poroviscoelastic swelling model (FPVES). This model includes the swelling behavior
of AC as well as its characteristic arcade-like collagen structure [263 (Chapter 7)].
Secondly, the free swelling strains in full thickness AC were measured, using a method
in which the effects of edge damage are negligible.
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8.2 Method

8.2.1 Experiments
Cartilage-bone samples of approximately 30×15×15 mm were sawed from calf tibial
plateaus. The osseous parts of the samples were fixed in paraffin in a glass cup, and the
whole sample was bathed in demineralized water for three hours (Figure 8.2).

Each sample was placed in an ARES rheometer (Rheometric scientific Advanced
Rheometric expansion system ARES-LS). The samples were loaded with a spherical
indentor (radius 2 mm) with a force of 10 µN (Figure 8.2). The position of the indentor
(height of the sample) was retrieved as soon as contact was established after which the
indentor was immediately removed from the sample. The indentation was performed
near the center of the sample, far away from its edges where the collagen network is
damaged due to sawing. Two different swelling experiments were performed. During
the first one the salt (NaCl) concentration in the cup was increased to 2 M. Then, at
various time intervals the sample thickness was determined. This was done until the
height of the sample no longer changed. During the second test, the salt concentration
in the cup was slowly increased. After each increase the sample was left to equilibrate,
after which the sample height was measured again. The concentrations, at which the
sample height was measured, were 0.00, 0.07, 0.15, 0.30, 0.67, 1 M and 2 M NaCl.
During both tests the salt concentration was increased by adding a solution of 4 M
NaCl.

Figure 8.2: Cartilage sample fixed in paraffin and indented with the ARES rheometer.

The first test was performed on 15 samples and the second one on 8 samples. After
each test, when the samples are in equilibrium with 2 M NaCl, they were removed
from the cup and the thickness of the cartilage was optically determined using a Zeiss
Stemi 2000-c binocular. The thickness was measured at the same location as the
indentation took place. The free swelling strains were calculated by

Tip of indentor

Cartilage sample

Paraffin
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where h(2M) is the cartilage thickness at 2 M. For the first test α represents the time,
and for the second test the salt concentration in the cup. As the sample height was
smallest at 2 M, the strain was assumed to be zero when the cartilage was equilibrated
to an external salt concentration of 2 M.

8.2.2 Finite element model
In the validated FPVES finite element model [263 (Chapter 7)] AC was assumed as
biphasic, consisting of a solid and a fluid phase. The solid phase consists of a swelling,
non-fibrillar part, which contains mainly proteoglycans, and a fibrillar part representing
the collagen network. For the nonfibrillar part a compressible neo-Neokean model was
used. The swelling behavior was implemented as a combination of osmotic swelling
and chemical expansion. The fibrillar part consists of a geometrical representation of
the arcade-like structure of the viscoelastic collagen network [263 (Chapter 7)]. The
model was implemented in ABAQUS v6.3 (Hibbitt, Karlsson & Sorensen, Inc.,
Pawtucket, RI, USA). For more details about this model the reader is referred to
Wilson et al. [263 (Chapter 7)].

Three different types of samples were simulated: (1) an ideal sample (own test and
test of Parson and Black [260]), (2) an osteochondral plug with a damaged collagen
network near the edges (plugs of Mow and Schoonbeck [261]), (3) cartilage disc with
damaged edges, which was removed form the underlying bone (discs of Mow and
Schoonbeck [261]).

The cartilage samples were considered as axisymmetric with a radius of 3.175 mm
(same as Mow and Schoonbeck [261]) (Figure 8.3). The mesh consisted of 380
axisymmetric pore pressure elements (CAX4P). As the width of the samples used in
the experiments was ~10 times larger than the cartilage thickness, the deformation at
the center of the cartilage sample site was assumed to be 1-dimensional. Therefore, in
the model the radial displacements of the nodes at the radial edge were confined. At the
top, zero pore pressure was prescribed, i.e. fluid can flow in and out freely. All other
surfaces were assumed to be impermeable.

Figure 8.3: Axisymmetric finite element mesh of the swelling experiment.
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It was assumed that at the locations where the collagen network was damaged, the
stiffness of the collagen network no longer contributes to the total stiffness of the
tissue. Therefore, the collagen stiffness at the damaged sites was set to zero. This was
done in a zone with a thickness of 0.05 mm, i.e. 1.57% of the diameter.

For each situation the cartilage height, as defined in Eq. 8.1, was determined for
external salt concentrations of 0 to 2 M, with intervals of 0.025 M. The free swelling
strains were then computed with Eq. 8.1.

8.3 Results

8.3.1 Experiments
The maximal free swelling strains were 3.1±0.8% (Figure 8.4 and Figure 8.5). It took
about 1000 seconds for the samples to equilibrate from a solution of 0 M to a solution
of 2 M (Figure 8.4). At concentrations higher than 1 M the swelling strain did no
longer decrease (decrease was lower than 0.15% strain/M NaCl) (Figure 8.5).

Figure 8.4: Free swelling strain of
articular cartilage versus time after a
change in external salt concentration
from 0  to 2 M (n=15).

Figure 8.5: Equilibrium free swelling
strain of articular cartilage as a function
of external salt concentration (line bars
indicate Means±S.D.).

8.3.2 Finite element model
The maximal swelling strains for samples 1, 2 and 3 were 2.1, 6.4 and 12.6%,
respectively (Figure 8.6).

The maximal free swelling strains at the damaged edge of the plug were much larger
than for the remainder of the tissue (6.4% versus 2.1%), due to rim formation at these
damaged edges (Figure 8.7). After the sample was removed from the underlying bone,
the rim formations occurred both at the top and the bottom of the sample (Figure 8.7).
This resulted in even larger differences between the amount of swelling at the center
and the edge of the sample, at 2.1 and 12.6%, respectively  ( Figure 8.6).
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Figure 8.6: Free swelling strains as computed using the FPVES model (sample 1=ideal
plug, sample 2=plug with damaged edges, and sample 3=disc with damaged edges
that was removed from the bone.

Figure 8.7: Deformed meshes of a plug with damaged edges (left) and a disc with
damaged edges that was removed from the bone (right) at an external concentration of
0 M NaCl.

8.4 Discussion

In this study it was hypothesized that the differences in 1D swelling strains reported in
the literature are caused by damage to the collagen network caused during sample
preparation. This was evaluated by simulating different swelling experiments using a
recently developed fibril-reinforced poroviscoelastic swelling model (FPVES), that
includes the swelling behavior of AC as well as its characteristic arcade-like collagen
structure [263 (Chapter 7)]. Also new swelling experiments were performed in which
the possible influence of damaged edges was negligible.

It was shown that damage to the collagen network can lead to larger swelling strains
at damaged sites, and that this effect was more pronounced when the samples were
separated from the subchondral bone.

The concentration after which the swelling strain did no longer decrease corresponds
well with the literature [254,261]. Also the time after which the strain no longer
decreased corresponded well with literature [260] (1000 versus 900 seconds).

The maximal free swelling strains found in this study (3.1±0.8%) were lower than
the values found by Mow and Schoonbeck [261] (6-30%), slightly lower than found by
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Parsons and Black [260] (5%), in the same order as found by Eisenberg and
Grodzinsky (2.6%) [254], and slightly higher than found by Narmoneva et al. [264]
(1.5%).

The free swelling strain as calculated using the FPVES model are well within the
range as found experimentally.

It was shown that the difference in swelling strains of osteochondral plugs and
cartilage discs [261] comes to the account of additional free swelling at the edges of
the sample due to collagen damage caused during sample preparation. Remaining
differences are small and can well be caused by differences in age, species, anatomical
sites and possible degeneration of the samples.

Hence, it can be concluded that for measuring free swelling strains of articular
cartilage it is essential that the used method does not depend on swelling of damaged
edges. Such a method is being presented in this paper. With this method it was found
that the free swelling strain in bovine knee tibial cartilage is 3.1±0.8% after a change in
salt concentration from 2 to 0 M NaCl.   
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9.1 Introduction

Osteoarthritis is a multifactorial disease, associated with articular cartilage (AC)
degeneration and eventually joint destruction. Although the phases of the disease have
been described in detail [2,265], many questions remain about its aetiology.

Traumatic joint injury by blunt mechanical insult has been speculated to trigger the
onset of osteoarthritis [266]. Several impact models have been used to study the
processes leading to cartilage degeneration. The most common trauma caused by
impact loading are fissures at the AC surface in the middle of the impacted zone, which
extend downward at approximately 45 degrees into the superficial [23,26,130,233,
267], middle [28,268] or deep [27,129] zones of cartilage. It has been suggested that
excessive shear stresses [199], excessive tensile stresses [269], or excessive principal
strains [201,202,270,271] might cause the formation of these cracks. However, none of
these studies went down to the mechanics at the microstructural level, nor did they
consider the changes in the cartilage before crack formation.

Swelling of cartilage, one of the earliest signs of damage, is proportional to the
amount of collagen damage [33,66]. This strongly suggests that damage to the collagen
network is an early event in cartilage degeneration [33,71,272]. Indeed several studies
showed that fibrillation, clefts and disintegration of the collagenous fibril network in
the tangential zone occur in early stages of cartilage degeneration  [52,136,273,274,
275]. Lewis et al. [138] found broken collagen fibrils at the tips of cracks, but most
fibrils were partially peeled apart. This peeling process suggests that the fibrils are
normally “tied” together in a parallel fashion [61,140,276], and that crack propagation
starts by fibrils being peeled apart as a result of failure of the collagen fibril bonding
[138].  The importance of interfibrillar bonding was also illustrated by McCormack
and Mansour [141] who found that repeatedly indented samples were weaker in tension
in the direction perpendicular to the radial fibrils than control samples, even though the
superficial layer was still intact [142,277]. All these findings support the hypothesis of
Clark and Simonian [144], which says (1) that the earliest change in the collagen
matrix architecture is loosening of the interfibrillar cross-links between the large
fibrils, which themselves remain intact until more severe degenerative changes occur,
and (2) that this interfibrillar loosening initiates in the transitional zone of the cartilage,
rather than at the surface.

In the literature several types of interfibrillar cross-linking are proposed. They can
be divided in two different categories of interaction, one involving physical
entwinement, which would not allow for network disruption unless actual fibril
breakage occurred, and the other based on some form of mediated or direct fibril-to-
fibril interaction not involving entwinement [58]. These include cross-linking by
collagen type IX and XI [47,63], proteoglycans [70] and AGE cross-linking [71]. In
this paper the term cross-linking will include all of these cross-link mechanics,
including ruptures of entwined fibrils.

We hypothesize that the failure of cross-links is caused by excessive shear strains
along the collagen fibrils, while the rupture of actual fibrils is caused by excessive
fibril strains.
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The goal of this study was to determine the cause and nature of collagen damage in AC
after excessive mechanical overloading. In this study both the shear strain along the
fibrils and the maximal fibril strains were evaluated as possible candidates for causing
collagen damage during mechanical overloading.

This was done by comparing the locations of maximal shear and tensile strains with
the locations of initial collagen damage after mechanical overloading as found using
antibodies directed against denatured type II collagen (Col2-3/4M [127]). It is assumed
that entwinements fail later [61] or at the same time as other types of cross-links.
Hence, Col2-3/4M staining is indicative for both severe breaking of cross-links and
breaking of the collagen bundles themselves.

As cartilage thickness is known to influence the location and magnitude of maximal
strains within the tissue [278], samples of variable thickness were examined. To induce
early cartilage damage bovine cartilage explants were loaded by indentation. The force
used was based on a pilot study, in which this load was just below the force at which
fissures deverloped in general. Hence, we only expect early cartilage damage. The
shear strain along the fibrils and the maximal fibril strains were determined using a
recently developed fibril-reinforced poroviscoelastic swelling finite element (FEA)
model of AC [263 (Chapter 7)], that includes the swelling behavior of the AC as well
as its characteristic arcade-like collagen structure.

9.2 Method

9.2.1 Sample preparation
Full-thickness cartilage plugs were taken from knee joints of calves. The tibial plateau
was fixed and the cartilage was leveled, after which concentric 8.5 mm osteochondral
plugs were drilled using a diamond trephine (8.5/9.4, Stratec Medical), while cooling
with normal tap water. After drilling the plugs were shortened to 6 mm with an
Accutom 5 precision-sawing device (Streurs Accutom 5). The plugs were kept in EBS
(Earle’s Salt Solution, w2.2 g/l NaHCO3, Biochrom AG).

9.2.2 Experimental Set-up
For applying mechanical loading a custom designed testing device was used (Figure
9.1).  The set-up consists of a sample holder (filled with EBS) and a vertical rail that
provides a rigid support for the linear moveable parts in the set-up. A vertical rod,
placed in a stainless steel housing, performs the mechanical pertubation (either
unconfined compression or indentation). Two membrane springs provide the
connection between the rod and the housing to ensure concentric linear movement
(Figure 9.1). This set-up was placed in a ZWICK Z010 (Zwick GmbH & Co,
Germany) material-testing device. The displacement of the indentor relative to its
housing was measured with a digital length gauge system (Heidenhain MT-12) with an
accuracy of 0.5 µm. A 2.5 kN force cell (KAF-S, A.S.T. Angewandte GmbH) recorded
the forces applied. The force, needed to deform the membrane spring, was subtracted
from the force measured by the load cell.
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Figure 9.1: Schematical overview and photograph of experimental device used for
applying indentations loads on articular cartilage.

9.2.3 Loading protocol
Before indentation loading the samples were preconditioned with an unconfined
compression test of 5×2 N in order to eliminate stresses in the sample caused by
preparation of the specimens (Figure 9.2).

Figure 9.2: Left: Schematic representation of the preconditioning test. Right: Force
applied during the preconditioning test.

After preconditioning the samples were left to equilibrate for 30 minutes, before they
were loaded 5 times with 25 N in 19.5 seconds with a spherical indentor with radius 2
mm (Figure 9.3). 12 samples were tested in this manner.
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Figure 9.3: Left: Schematic representation of the indentation test. Right: Force applied
during the indentation test.

9.2.4 Histology and immunohistochemistry
The cartilage samples were rapidly frozen in liquid nitrogen after mechanical testing
and stored at -80°C. Coronal sections were cut (7 µm) on a Bright 3050 cryostat and
mounted on glass microscope slides, pre-coated with 3-aminopropyltriethoxysilan
(Sigma, St. Louis. MO). Serial sections were made perpendicular to the surface of the
cartilage, and were dried for one hour and stored at -80°C until required for further use.
After thawing, the sections were fixed in freshly prepared 4% solution of
paraformaldehyde (5 minutes) and washed extensively in 0,1 M phosphate buffered
saline (pH 7.4; PBS) for 15 minutes. To enhance the permeability of the extracellular
matrix, glycosaminoglycans were removed by incubating the sections with 1%
hyaluronidase (testicular, type I-s, EC 3.2.1.35, Sigma, St. Louis, MO) in PBS, for 30
minutes at 37°C. Non-specific staining was blocked by incubation of the sections with
10% normal horse serum (Col2-3/4M). Sections were incubated overnight with the
Col2-3/4M antibody (1/800) against denatured type II collagen at 4°C in a humidified
chamber. Biotin-labeled horse rabbit anti-mouse antibody (DAKO, Glostrup, Denmark,
1/400) were used as secondary antibodies (1 hour, room temperature). A biotin
streptovidin detection system (Vectra elite kit, Vector, Burlingame, CA) was used
according to the manufacturers recommendations. Peroxidase was detected using
tablets containing 10 mg 3’, 3’diaminobenzidine (Sigma) dissolved in 15 ml PBS with
12 µl H2O2 (30%) for 7 minutes. After rinsing, sections were dehydrated and mounted
with DPX (BDH, Poole, England).

9.2.5 Quantitative analysis
Sections were digitized at a 25 times magnification and a resolution of 1600×1200
pixels using an Olympus Camedia C-4040 digital camera mounted on a Zeiss Axioplan
2 microscope. Image calculations and measurements were performed using analySIS
imaging software. The Col2-3/4M stained area at the location of the indentation load
was measured. The transition between the area with Col2-3/4M staining above the
background staining was used to determine the surface area of collagen degradation
due to the indentation load.  The thickness of the cartilage was the mean of three
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thickness measurements perpendicular to the surface of the cartilage in three
equidistant locations (at 500 µM distance) in the center of the biopsy.

9.2.6 Finite element model
For the validated fibril-reinforced poroviscoelastic swelling FEA model [263 (Chapter
7)] AC was assumed as biphasic, consisting of a solid and a fluid phase. The solid
phase consisted of a swelling non-fibrillar part, which contains mainly proteoglycans,
and a fibrillar part representing the collagen network. For the nonfibrillar part a
compressible neo-Nookean model was used. The swelling behavior was implemented
as a combination of osmotic swelling and chemical expansion. The fibrillar part
consisted of large primary fibrils and smaller secondary fibrils. Bundles of primary
fibrils extended perpendicular from the subchondral bone, splitting up close to the
articular surface into fibrils curving to a horizontal course, flush with the articular
surface (Figure 9.4; [51]). The network of secondary fibrils was represented as a
random, homogeneous 3D network. Both types of collagen fibrils were assumed to be
viscoelastic. The model was implemented in ABAQUS v6.3 (Hibbitt, Karlsson &
Sorensen, Inc., Pawtucket, RI, USA). For more details about this model see Wilson et
al. [263 (Chapter 7)].

Figure 9.4: Orientation of the primary fibrils as a function of depth. Right: cartoon of
the arcade model of Benninghoff [51]. Left: Orientation of four primary collagen
fibrils as implemented in the FEA model.

The cartilage samples were modeled as axisymmetric with a radius of 4.25 mm (Figure
9.5). A total of 9 models was generated, each with a different thickness, varying from
0.675 to 1.5 mm with steps of 0.125 mm. Each model consisted of 1000 linear
axisymmetric pore pressure elements. The nodes at the bottom plane were confined in
all directions, and the displacements of the nodes at the symmetry-axis were confined
in radial direction. At z=h, where the cartilage is not in contact with the indentor, and at
the radial edge of the model, zero pore pressure was prescribed, i.e. fluid could flow in
and out freely.  A rigid spherical indentor with a radius of 2 mm was placed on the
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cartilage surface and loaded with a ramp function of 25 N in 0.8 s.  With this model the
maximal shear strains along the fibril directions, as well as the maximal tensile strains
in the fibril directions, were computed.

Figure 9.5: Mesh used for indentation loading simulations (r=4.25 mm, rind=2 mm,
h=1.5372 mm).

9.3 Results

9.3.1 Experimental results
6 of the 14 samples showed positive staining for collagen damage. Collagen damage
was either found below the articular surface only or both below and at the articular
surface (Figure 9.6). Superficial damage was never seen in isolation. Both the
prevalences and locations of damaged collagen were highly dependent on the thickness
of the samples (Figure 9.7).

4 out of 4 samples, thicker than 1.3 mm, were undamaged (Figure 9.7). Both
intermediate samples with a thickness between the 0.95 and 1.3 mm were damaged
below the surface only (Figure 9.6a). 4 out of 5 samples with a thickness smaller than
0.95 mm showed the most damage; located at and below the surface (Figure 9.6b).
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Figure 9.6: Col2-3/4M staining of cartilage with thickness 1.054 mm (left) and 0.871
mm (right). The dark areas represent mechanically induced collagen damage.

Figure 9.7: Relative height of the damaged area as a function of cartilage thickness.

9.3.2 Finite element results
It was found that the maximal tensile (fibril) strains were highest at the cartilage
surface, at the center of contact (Figure 9.8). The maximal shear strains along the fibril
directions were located just below the surface, under the center of contact. Both
parameters depended on the sample height (Figure 9.9). The maximal tensile strain
increases almost linearly with decreasing cartilage thickness. The maximal shear strain
along the direction of the collagen fibrils increased more rapidly for thinner samples.
For all samples the maximal shear strains were higher than maximal tensile strains
(Figure 9.9).
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Figure 9.8: Maximal tensile strains in the fibril directions (top) and maximal shear
strains along the collagen fibrils (bottom) in a sample with thickness 1 mm plotted in
the undeformed mesh.

Figure 9.9: Maximal tensile strains in the fibril directions and maximal shear strains
along the collagen fibrils as functions of cartilage thickness. Damage below the
surface starts when shear strains exceed 32%, additional damage at the surface when
tensile strains exceed 28%.
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9.4 Discussion

For this study we hypothesized that cartilage damage starts in the collagen network,
and questioned whether the maximal fibril strains or the maximal shear strains along
the collagen fibrils could be responsible for collagen damage. The locations of
maximal tensile and shear strains after indentation loading were computed with a
recently developed fibril-reinforced poroviscoelastic swelling FEA model of AC [263
(Chapter 7)], and were compared to sites of collagen damage found experimentally
using Col2-3/4M staining.

The locations of the maximal shear strain along the collagen fibrils corresponded
well with the locations of collagen damage, as found with the Col2-3/4M staining, in
relatively thick samples (0.95–1.3 mm), but there was no agreement between damage
sites and locations of maximal tensile strains. The locations of collagen damage in
cartilage samples with a thickness smaller than 0.95 mm corresponded well with the
locations of both maximal tensile strains in the collagen fibrils and the maximal shear
strains. Hence, in relatively thick samples the collagen damage is probably caused by
excessive shear strains, and in thin samples the collagen is damaged by both excessive
shear and tensile strains. This suggests that both excessive shear strains along the
collagen fibrils and excessive fibril strains induce cartilage damage, but through
different mechanisms and at distinct locations.

The combination of damage found experimentally, sample thickness and computed
strains reveals that for the loading conditions used, the entwinement between the
collagen fibrils probably breaks at approximately 32% strain and that the fibrils
themselves start to rupture at a strain of approximately 28% (Figure 9.9). Although
these values are only based on 12 experiments, the latter value corresponds well with
the failure strain (25-40%) of the superficial layer of the AC [55,280]. To the best of
our knowledge there is currently no data available about the strength of the cross-links
between the collagen fibrils.

Note that although the collagen fibrils probably break at a lower strain level than the
cross-links, the latter get damaged earlier because they experience much larger strains
with the present loading protocol.

It can be concluded that for the loading conditions used cartilage damage starts with
breaking of the interfibrillar bonds, and that the collagen fibrils only rupture at more
excessive loads.  These findings support the hypothesis of Clark and Simonian [144],
which implies (1) that the earliest change in the collagen matrix architecture is
loosening of the links between the large fibrils, which themselves remain intact until
severe degenerative changes have developed, and (2) that such interfibrillar loosening
initiates in the transitional zone of the cartilage, rather than at the surface. We showed
that in this particular zone, shear strains are most pronounced. Hence, our findings also
support the proposed hypothesis that the initial collagen damage after mechanical
overloading is caused by excessive shear strains along the collagen fibrils.

Based on the findings of Chen and Broom [61] it was assumed that entwinements
fail later than the other cross-links, or at the same time. As only breakage of the
collagen fibrils could be measured, the breaking of entwinements rather than other
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crosslinks were measured. Hence, we were not able to verify the assumption of Chen
and Broom [61]. Because breaking of one cross-link increases the forces on the others,
which increases the chance of breaking the other cross-links, we believe that this
assumption is plausible. However, further investigations may be needed.

Collagen damage can also occur due to cleavage of the fibrils by matrix
metalloproteinases that are secreted by the chondrocytes [280]. Because in the current
study the samples were frozen within one hour after loading, it is unlikely that
significant enzymatic degradations had occurred. So far, we investigated damage
initiation, and not the development of damage itself.

The failure strain of collagen is known to be strain-rate dependent [281]. So far we
did not take this into account. It is, however, thought that this will not influence the
finding that excessive shear strains along the collagen fibrils and excessive fibril strain,
are both associated with different sites of damage.

In our simulations the contact between the indentor and the AC was assumed to be
frictionless. Although the friction coefficient between AC and steel is low [282], this
might have some influence on the stresses and strains just below the indentor.

We used a generic description of cartilage. In all simulations we changed the height,
but not the other parameters, to ensure comparability between simulations. With this
generic description, the damage observed in experiments agreed well with model
simulations of specimens with similar thickness. The material parameters used were
previously determined by fitting the model on 1D-swelling, confined compression,
indentation, and unconfined compression experiments [263 (Chapter 7)]. Ultimately,
experimental results should be compared with specimen-specific meshes including the
collagen architecture, and fixed charge densities and so forth. However, such data are
hard to obtain per specimen,

In conclusion: two mechanisms by which collagen damage can be initiated were
found: (1) breaking of the entwinements between fibrils due to excessive shear strain
along the collagen fibrils, and (2) breaking of the fibrils themselves due to excessive
fibril strains. It was also found that the locations of collagen damage after mechanical
overloading are highly dependent on the cartilage thickness, with thinner cartilage
being more susceptible to damage than thicker samples.
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10.1 Introduction

Osteoarthritis is the most common cause of disability in elderly, with prevalence
increasing with age. Pain and disability characterize the condition, and osteoarthritis in
its more severe form is the main indication for joint replacement surgery. During
osteoarthritis changes are seen in articular cartilage, in the zone of calcified cartilage,
subchondral bone and trabecular bone [2]. The subchondral bone becomes thicker and
its stiffness decreases [5]. Both stiffness and apparent density of cancellous bone,
underlying subchondral bone, are increased through osteoarthritis [6,7]. Although it is
generally assumed that osteoarthritis is caused by mechanical overloading, the initial
event that triggers the pathological process is unclear and it is still not evident whether
the initial changes occur in the cartilage, the subchondral bone or even in the
synovium. The present study focused on determining the cause of cartilage damage
initiation.

As osteoarthritis is believed to be mechanically induced, an approach was needed by
which the stresses and strains in articular cartilage can be correlated to damage
locations. For this purpose a finite element model was developed that can be used to
predict the initiation of mechanically induced cartilage damage.

10.2 Finite element modeling

The fibril-reinforced poroviscoelastic swelling model developed incorporates the
ultrastructural 3D architecture of the viscoelastic collagen network (Chapter 5) and the
chemical and osmotic swelling behavior of articular cartilage (Chapter 6). This model
can simultaneously account for the reaction force during 1D swelling, confined
compression, indentation and unconfined compression, as well as the lateral
deformation during unconfined compression (Chapter 7).

Essential parameters, including collagen content and orientation, fluid fraction and
fixed charge density distribution were not measured in the same type of articular
cartilage as used in mechanical experiments used in this paper. Furthermore, the data
used for the different experiments performed on cartilage samples were taken from
different locations in knee joints of 1 to 2 year old cattle. As cartilage from different
locations can have different mechanical properties [48], a possible mismatch may
account for part of the small differences between computational and experimental data.
Yet, the model contains the most realistic description of articular cartilage currently
available in literature, and can well be used to study generic aspects of articular
cartilage mechanics and damage. Only when measuring techniques become available
that can come up with appropriate patient- or sample specific properties can this
problem be accounted for.

An important extension of the generally used poroelastic description of cartilage is
the incorporation of its swelling behavior, using the assumption that ion flux is
infinitely fast. Although it was shown that the effect of this simplification on the
stresses and strains in the tissue is relatively small (Chapter 6), this model can
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obviously not be used to investigate ion fluxes. For those kinds of investigations a full
mechano-electrochemical model should be used. Because no ion fluxes were included,
this model enables the computation of much larger problems than currently possible
with the full mechano-electrochemical models.

The only other model available in the literature that included swelling behavior as
well as descriptions of the collagen network of cartilaginous tissues is the non-linear
hyperelastic fiber-reinforced continuum mixture theory model of Sun and Leong [195].
The main advantages of our model compared to their model is that it can account for
large deformations, includes the viscoelasticity of the collagen network, and is
computationally less expensive. The advantage of the model of Sun and Leong [195] is
that it can account for electrical currents and ion transport.

10.3 Prediction of Damage

By inducing early cartilage damage in articular cartilage, and by comparing the
experimentally determined damage location with different kinds of strains in the
collagen network, two mechanisms by which collagen damage can be initiated were
indentified: (1) failure of the entwinements between fibrils due to excessive shear
strain along the collagen fibrils, and (2) failure of the fibrils themselves due to
excessive fibril strains (Chapter 9).

It was concluded that, for the loading conditions used cartilage damage probably
starts with failure of the inter-fibrillar bonds, and that the collagen fibrils will only
rupture at higher loads.  These findings support the hypothesis of Clark and Simonian
[144], which implies that (1) the earliest change in the collagen matrix architecture is
loosening of the links between the large fibrils, which themselves remain intact until
severe degenerative changes are present, and (2) that this interfibrillar loosening
initiates in the transitional zone of the cartilage rather than at the surface. However, this
may depend on the loading situation. It is well possible that alternate loading
conditions give more pronounced tensile strains and less shear. That would lead to the
opposite order of appearance of damage.  Therefore, it is more convenient to talk about
internal strains then externally applied loads, which result in damage. This enforced the
need for models such as the one presented in the thesis.

Chen and Broom [61] assumed that entwinements of the collagen fibrils rupture
later or at the same time as other cross-links. As only the failure of the entwinements
could be measured, we were not able to verify if this assumption is correct. Because
breaking of one cross-link increases the forces on the other cross-links, which enhances
rupture of other cross-links, we believe that this assumption is plausible. However,
further investigations on this matter are needed.

The failure strain of collagen is known to be strain-rate dependent [281]. So far we
did not take this into account. It is, however not likely that this would influence the
different sites for inter-fibrillar and fibrils failures. Nonetheless, the loads at which
damage occurs is dependent on the loading rate. Hence, to determine the failure strain
of the collagen network, tests with different loading rates should be performed.
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10.4 Development and propagation of cartilage damage

So far, we investigated damage initiation. A logical next step is predicting the
development and progression of damage. However, this would involve several
extensions of the theory and the computational model.

As collagen damage will highly influence the stresses and strains in the articular
cartilage, collagen damage at one location might provoke collagen damage at other
locations. Furthermore, after the collagen network is damaged, small proteoglycans can
flow out of the tissue [145], which in turn will also change the mechanical conditions.
To account for this, the diffusion of these small proteoglycans must be included.
Several finite element models that include the diffusion of solutes, either in articular
cartilage or the intervertebral disc exist [195,283,284,285,286]. These might provide
valuable future extensions of the present model.

Next to the secretion of matrix metalloproteinases during cartilage degeneration
both degradation and synthesis of all matrix components are usually enhanced
[30,146]. Cellular activities like matrix production and degradation during cartilage
degeneration have never been considered numerically. However, similar mechanisms
for tissue engineering were described in finite element models [287]. These might be
needed to gain more insight in these processes during cartilage degeneration.

A decrease in chondrocyte number is often observed in early phases of cartilage
degeneration [128,161,162,163]. Hence, the ability of the tissue to maintain and repair
the extracellular matrix is decreased in that case. Because dead cells are not removed
effectively from the cartilage, the products of dead cells, such as pyrophosphate and
precipitated calcium, may contribute to pathological cartilage degradation. As
chondrocyte metabolism and cell death are influenced by their mechanical environment
[79,80], knowledge of local strains, experienced by cells within a tissue, can aid in our
understanding of these processes. As the stresses and strains in the cells are not
necessarily the same as in the tissue, it might be necessary to not only include the
macroscopic level of the tissue, but also the microstructural level of the chondrocytes.
Another reason to include chondrocytes is that the cell volume fraction of the
chondrocytes influences the effective properties of the macroscopic construct
[288,289,290] and the macroscopic strains induced by external loading. Although there
are several models that include both the micro and the macro scale [288,289,291], only
few include both the influence of the microstructure on the macrostructure, and visa
versa, in a multilevel finite element approach [292].

10.5 Conclusions

The objective of this study was to determine the cause of the onset of cartilage damage.
Four hypotheses were explored for this purpose: (1) cartilage damage develops as an
effect of mechanical loading, (2) the onset occurs at the level of the micro-structural
collagen network, (3) the probability of collagen damage is highly dependent on the
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local collagen morphology, and (4) collagen damage will result in increased swelling
of the tissue.

Meniscectomy, causing dramatic changes in the load distribution of the knee joint, is
a well-known cause of osteoarthritis. To test our first hypothesis we evaluated if
changes in stresses and strains in the articular cartilage after meniscectomy can explain
the onset of cartilage damage (Chapter 4). For this purpose a new finite element
computational model of the knee joint was developed. It was shown that both location
and magnitude of the maximal stresses and strains in the articular cartilage changed
after meniscectomy, and that these changes could lead to cartilage damage.

To study cartilage damage at the level of the micro-structural collagen network, first
a new fibril-reinforced poroviscoelastic swelling theory for articular cartilage was
developed (Chapter 7). This theory includes the complex arcade structure of the
collagen network, characteristic for articular cartilage (Chapter 5), as well as the
chemical and osmotic swelling properties (Chapter 6) of articular cartilage. A
computational model based on this theory could appropriately fit confined
compression, swelling, unconfined compression and indentation experiments with a
single set of material parameters.

For the swelling part of the new fibril-reinforced, poroviscoelastic swelling theory, a
biphasic swelling sub-theory was used (Chapter 6). This was based on the assumption
that the electrolyte flux can be neglected in mechanical studies. It was shown that
depending on the material properties, the deformational behavior of this biphasic
swelling theory is similar to that of the full mechano-electrochemical theory. Hence,
the biphasic swelling theory can be a good alternative for the complex mechano-
electrochemical theory for the study of tissue deformation.

To validate the theory, and the computational results, a biochemical test was
developed to visualize collagen damage in postmortem cartilage of bovine knee-joint
specimens (Chapter 9).

To test the hypothesis that the onset occurs at the level of the micro-structural
collagen network, the locations of maximal tensile and shear strains after indentation
loading as computed with the fibril-reinforced poroviscoelastic swelling finite element
model, were compared to sites of collagen damage found experimentally (Chapter 9).
Two independent mechanisms by which collagen damage can be initiated were found:
(1) breaking of the entwinements between fibrils due to excessive shear strains along
these collagen fibrils, and (2) breaking of the fibrils themselves due to excessive fibril
strains. In impact studies the first type occured first. The locations of collagen damage
were highly dependent on the cartilage thickness.

To test the third hypothesis, the stresses and strains in collagen fibrils at the same
location, but with different orientations were compared (Chapter 5). It was found that
the local stresses and strains in articular cartilage are highly influenced by the local
morphology of the collagen fibril network. Hence, it can be concluded that the
probability of collagen damage is highly dependent on the local morphology of the
collagen network.

To test the fourth hypothesis the influence of collagen damage, caused during
sample preparation, on the swelling properties of articular cartilage was determined. It
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was shown that collagen damage leads to swelling of the articular cartilage, which then
leads to increased fibril strains (Chapter 8). It was also shown that collagen damage
resulting from sample preparation is the primary cause of the large differences in free
swelling strains as found in the literature. Due to this collagen damage the amount of
swelling could be up to 10 times higher.

In short: The results described in this dissertation provide new insights in the
initiation and propagation of cartilage damage. Furthermore, a theory was developed
which enables analyses of the link between the collagen network and the swelling
properties of articular cartilage, which is essential for studying cartilage physiology
and pathology. Effect of proteoglycan losses or collagen damage can be studied with
this theory. We believe that this theory will be a useful tool for studies of mechanical
behavior and damage mechanisms in articular cartilage.
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Appendix A:  Determination of the Jacobian tensors

In this appendix the derivations of the Jacobian 4C, which is needed for the
implementation in ABAQUS, is given for the different constitutive models as
described in Chapter 5 to 7.

In the subroutine UMAT of ABAQUS (Hibbitt, Karlsson & Sorensen, Inc.,
Pawtucket, RI, USA) the Jacobian 4C is defined though the variation in Kirchhoff
stress as

δδ DCσ :)( 4JJ = ,  (A1)

where J is the determinant of the deformation tensor F, σ the Cauchy stress and Dδ the
virtual rate of deformation, defined as
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Since the velocity gradient tensor Lδ is given by
1−⋅= FFL δδ , (A4)

Eq. A3 can be written as
TTRTTTRTJ δδδ LFALFAσ :)()(:)( 44 ⋅=⋅=  . (A5)

When (4ART⋅FT) is right symmetric, this equals1

δδ DBσ :)( 4=J . (A6)

From this it follows that 4C in Eq. A1 is equal to
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where 
Fδ
δJ

is given by

                                                       
1 Note that when 4ART FT is not right symmetric there will be a small error in 4C.
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Hence, the unknowns are σ(F) and
F
Fσ

δ
δ )(

, which depend on the chosen material law.

A1 Determination of the jacobian for an isotropic Hookean material

Using a simple Hookean model, the stresses are given by

εCσ :4
M= , (A9)

where 4CM is the fourth-order stiffness tensor and ε is the logarithmic strain. The
logarithmic strain tensor can be written as a function of the left Cauchy Green
deformation tensor B as
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The derivative of σ with respect to F can be obtained from

εCF
F

σ

σ δδ
δ
δ

δ :: 4
M== , (A11)

where δε is given by [293]
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From Eq. A15 and Eq. A11 we can obtain the derivative of σ with respect to F
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By substituting Eq. A9 and A16 in Eq. A7, we can compute 4C for the nonfibrillar
matrix.

A2 Determination of the jacobian for an isotropic compressible neo-
Hookean material

A possible form of a compressible neo-Hookean model is
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where B is the left Cauchy Green deformation tensor, K is the bulk modulus and G is
the shear modulus. The latter two can be expressed as a function of the Young’s
Modulus E, and the Poisson’s ratio ν by
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The variation of σ is given by

BIBI

IBBIσ

∂+∂



 +





−





 +=

∂+∂+∂




−∂





 +=∂

J

G
J

J

G

J

G

J
K

J
J

G

J

G
J

J

G
J

J
K

3/422

3/422

3

1
1

2

1

3

1
1

2

1

. (A20)

With Eq. A8 and Eq. A14 this becomes
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Hence, the derivative of σ with respect to F is defined as
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By substituting Eq. A17 and A22 in Eq. A7, we can compute 4C for the nonfibrillar
matrix.
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Another form of a compressible neo-Hookean model is
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The variation of σ is then given by
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With Eq. A8 and Eq. A14 this becomes
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Hence, the derivative of σ with respect to F is given by
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By substituting Eq. A23 and A26 in Eq. A7, we can compute 4C for the nonfibrillar
matrix.

A3 Determination of the jacobian for a single non-linear elastic fibril

The stress tensor σ for a continuum with one single fibril running in direction ne
r

 can be
given by
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Here F is the deformation tensor and    the initial fibril orientation. When we assume
that the fibril stiffness can be represented by a spring-dashpot system as given in
Figure 5.5a the fibril stress σf  is given by
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where E0 and Eε are positive material constants and εf is the fibril strain, which is given
by

0ln ef
r⋅= Fε . (A30)

The stress tensor σ can now be written as
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with
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The variation of δP is given by
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By substituting Eq. A33, A34, A37 and A39, in Eq. A36 we can compute the
derivative of σ with respect to F. By substituting Eq. A31 and A36 in Eq. A7, we can
compute 4C for a continuum with one single elastic fibril.

A4 Determination of the jacobian for a single non-linear viscoelastic
fibril

To account for the viscoelastic properties of the collagen fibrils we included a linear
dashpot with damping coefficient η in series with the nonlinear spring as given in
Figure 5.5a. The fibril can than be represented as the spring-dashpot system in Figure
5.5b. The fibril stress can then be given by
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After time integration with an implicit backward Euler scheme this becomes
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Hence, the current stress is given by
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With
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The stress tensor σ can now be written as
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and P as given in Eq. A34.
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with δλ as given in Eq. A38.
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By substituting Eq. A52, A34, A53 and A39, in Eq. A36 we can compute the
derivative of σ with respect to F. By substituting Eq. A51 and A36 in Eq. A7, we can
compute 4C for a continuum with one single non-linear viscoelastic fibril.

A5 Determination of the jacobian for osmotic swelling (with constant
osmotic and activity coefficients)

The osmotic swelling stress is be given by [164]
)()( −+−+ +−+=∆ extextextint ccRTccRT φφπ , (A54)

where ∆π is the osmotic pressure gradient, R the gas constant, T the absolute
temperature, c+ and c- the cation and anion concentration inside the tissue, c+

ext and c-
ext

the cation and anion concentration outside the tissue, φ
α
 the osmotic coefficients and γ

α

the activity coefficients.

The equilibrium ion concentrations are given by [113]
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where cF is the fixed charge density. By substituting Eq. A55 in A54 the osmotic
swelling pressure is given by

extextext

int

ext
Fint RTcccRT φ

γ

γφπ 24 2
2

2
2 −+=∆

±

±
. (A56)

When assuming that φint=1 and φext=1 and γ±int= γ±ext this becomes

extextF RTcccRT 24 22 −+=∆π . (A57)

The current fixed charge density can be written as a function of the initial fixed charge
density cF,0 and the volumetric deformation of the tissue
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where nf,0 is the initial fluid fraction and J is the determinant of the deformation tensor
F.

The variation of ∆π is then given by
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With σ= -∆πI, Eq. A8 and Eq. A59 we can now compute the derivative of σ to F as
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By substituting σ=-∆πI, A56 and Eq. A60 in Eq. A7, we can compute 4C for the
osmotic swelling with non-constant osmotic and activity coefficients.

A6 Determination of the jacobian for isotropic swelling (with non-
constant osmotic and activity coefficients)

According to Kwak [294] and Wells [295] the mean internal activity coefficient is the
product of a poly-ion/mobile ion interaction in the absence of salt, γPM, and a mobile
ion-mobile ion interaction, γMM

MMPM
int γγγ =± . (A61)

γPM can be given by [296]
XPM ξγ 5.0ln −= , (A62)

where ξ has a value of 0.99 [45] and X is the ratio between the fixed charge density and
the concentration of free electrolyte in the tissue
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γMM is defined as the mean activity at the mean ionic strength [294,297] and can be
given by
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where x1, x2 and x3 are constants.

Just like the activity coefficient, the internal osmotic coefficient can be split up in two
independent components

MMPM
int φφφ = , (A65)

where φMM is osmotic coefficient in and aqueous solution, at the mean ionic strength
[294,297]
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where x4, x5 are constants. φ 
PM represents the interactions between the poly-ions and

mobile ions, and can be given by [296]
XPM ξφ 5.01−= . (A67)

The function of γ 
MM, γext, φ 

MM and φext were obtained by least square fits on data from
Pytkowicz [298].

The variation of ∆π is then given by

F

ext

int

ext
F

Fint

int

ext

int

ext
Fint

extextint
intext

int

ext
F

c

cc

RTc

cc

cRT
ccRT

δ

γ

γ

φ

δγ

γ

γγ

γφδφ
γ

γδπ

2
2

2
2

2
2

2
23

22
2

2

2
2

4

4

4
4

±

±

±

±

±
±

±

±

±

+

−

+

++−=

, (A68)

where Fcδ is given by
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and δφint is given by
MMPMPMMM

int δφφδφφδφ += . (A70)

δφPM and δφMM are given by

XPM ξδδφ 5.0−= (A71)
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Here δX is given by

±

±

±
±

±

±

±

±

±

±

±

±

+=

+











+

−

+

+











+

−=

intF

int

intext

int

ext
Fext

int

ext
F

extext

F

ext

int

ext
Fext

int

ext
F

Fext

CcB

cccc

c

c

cccc

cc
X

δγδ

δγ

γ
γ

γ

γ

γ

γ

δ

γ

γ

γ

γ
δ

32
2

2
22

2

2
2

32

2
2

2
22

2

2
2

44

8

44

2

, (A73)

and δγ±int by
MMPMPMMM

int δγγδγγδγ +=± , (A74)

where δγPM and δγMM are given by
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By substituting Eq. A75 and A76 into Eq. A74 we get
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With σ= -∆πI, Eq., A69, A70, A77, A68 and Eq. A8 we can now compute the
derivative of σ with respect to F. By substituting σ= -∆πI, A56 and the derivative of σ
with respect to F in Eq. A7, we can compute 4C for the osmotic swelling with non-
constant osmotic and activity coefficients.

A7 Determination of the jacobian for isotropic chemical expansion

The chemical expansion stress Tc can be given by [113]
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where a0 and κ are material constants. cF is given by Eq. A58 and c-
 is given by Eq.

A55.

The variation of Tc is then given by
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where ))(( Fccc +−−δ  is given by
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With σ=-TcI, Eq. A79, A80, A81, A77, A69 and A8 we can now compute the
derivative of σ to F. By substituting σ=-TcI, A78 and the derivative of σ with respect to
F in Eq. A7, we can compute 4C for the chemical expansion.
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Appendix B:  Difference between biphasic swelling and
regular biphasic theory

Typical biphasic theory implementation in a commercial finite element code like
ABAQUS (Hibbit, Karlson & Sorensen, Inc., Pawtucket, RI, USA) consists of the
following equations:

mechanical balance: 0=∇−⋅∇ pe

rr

σ , (B1)

stress-strain law of the solid: )(εσσ ee = , (B2)

mass balance: 0=⋅∇+⋅∇ qu
r

r

&r
r

, (B3)

Darcy’s law: pkq ∇−=
rr

, (B4)

With boundary conditions: 0][ =u  and 0][ =p (B5)

along the interface with an external bath. Here σe is the effective stress, p is the fluid
pressure,     the fluid flux, k the permeability and u the displacements.
In the biphasic swelling theory the following equations account for Donnan osmotic
swelling:

Darcy’s law: )( πµ ∆−∇−=∇−= pkkq f
rrr

, (B6)

boundary conditions: 0][ =u  and 0][ =fµ . (B7)

Here µf is the electrochemical potential. The stress-strain law and Darcy’s law are the
same as in the regular biphasic theory.

q
r
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Appendix C:  Determination of the Open Circuit
hydraulic permeability

The volume flux (j) and electric flux (i) are [192]
ξ∇−∇−= epp LpLj (C1)

and
ξ∇−∇−= eep LpLi , (C2)

where ∇ p is the pressure gradient, ∇ ξ is the potential gradient, Lp is the closed-circuit
hydraulic permeability of the mechano-electrochemical model (kclosed), Lep is the
electro-osmotic permeability and Le is the electrical conductivity.
In an open circuit there is no streaming current (i=0). Hence, ∇ ξ can be expressed as
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By substituting Eq. C3 in Eq. C1 we get
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where 
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L
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2

−  is the hydraulic permeability of the biphasic model.

The electrical conductivity Le and electro-osmotic permeability Lep are given by [192]
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The components of Bβγ are given by
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The volume fractions of the ions are given by
+++ = cVnn f , (C9a)
−−− = cVnn f . (C9b)
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