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Summary 
 

Towards a Damage Model for Articular Cartilage 

 

Articular cartilage (AC) in diarthrodial joints functions as a mechanical load 

bearing surface. It is generally accepted that excessive mechanical loading may initiate 

cartilage damage and stimulate damage progression. Ultimately, this may result in 

osteoarthritis (OA), which is a painful and disabling disease. By the age of 55–65, up to 

85% of all people will have some degree of OA in one or more joints. Unfortunately, it is 

still difficult to treat OA, and treatment mostly addresses late stages of the disease. 

Better therapeutic outcome for aggressive cases of OA could probably be obtained if 

earlier treatment was possible. To predict disease progression for a particular patient 

requires more insight in the development of OA over time.  

One of the earliest signs of OA clinically seen is roughening of the articular 

surface, meaning that the superficial tangential zone (STZ) of cartilage has been 

compromised. It has been proposed that the STZ is essential to the tissue’s load-

distributing function, and therefore, any kind of structural disintegration to this layer may 

lead to OA initiation. However, the exact mechanism by which the STZ fulfills this 

function has not yet been revealed. Using a channel-indentation experiment, it was 

recently shown that compared to intact tissue, cartilage without STZ behaves slightly 

stiffer, and deforms significantly different in regions adjacent to mechanically 

compressed areas. In Chapter 2, this channel indentation experiment was extensively 

evaluated computationally, showing that the horizontally oriented collagen fibers in an 

intact STZ result in superior load-bearing properties, because they distribute the applied 

load over a larger deep zone area compared to cartilage in which the STZ is 

compromised.  
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 We subsequently aimed to explore even earlier aspects of cartilage damage. 

Experimental data are sparsely available. Therefore, we performed an experimental 

study in which we aimed to monitor cartilage softening in response to mechanical 

overloading (Chapter 3). We hypothesized that excessive mechanical loading would 

initiate collagen damage, which would result in tissue softening. However, in contrast 

with our hypothesis, in samples that did show softening, we were unable to detect 

collagen damage. Thus, our results demonstrate that cartilage softening may be caused 

by another mechanism that most likely precedes collagen damage. 

Although we hypothesized that the long-term changes in mechanical properties 

of cartilage do result from damage, we could not exclude the effect of time dependent 

behavior of AC on the results of Chapter 3. As the tissue contains abundant water, 

surrounded by a matrix containing viscoelastic components, in Chapter 4, we 

questioned whether part of the observed tissue response in the experiments may be the 

result of a physiological time dependent complex responses of cartilage. This is also 

important because it has long been observed that initial loading curves generated by 

experimental loading of soft biological tissues are substantially different from 

subsequent loadings. Slow viscoelastic phenomena related to fluid flow or collagen 

viscoelasticity are initiated during the first loading cycles (preconditioning) and may 

persist during the actual collection of the data. The results of this investigation showed 

that not having satisfied the required time for recovery of the tissue in each loading 

cycle will lead to an inconsistent response from the tissue.  

Having understood the effect of time dependent behavior of the AC, in Chapter 5 

we developed a damage model which simulates the AC softening behavior. Because in 

our experiments we observed softening without detecting collagen damage, while 

collagen damage is known to occur even at relatively early phases during OA, in the 

model we included damage in both the fibrillar network and the ground substance. This 

model assumes that when the tensile strain in the fibrillar network or the deviatoric strain 

in the ground substance exceed certain thresholds, the damage initiates in that 

particular constituent of the tissue and subsequently the material reduces its stiffness.  

Using this model, PG damage was predicted to localize near the surface of 

cartilage, while collagen damage penetrated deeper into the tissue. These distinct 

patterns resemble damage locations reported in the literature. Strain patterns in the 

tissue significantly differed, depending on the nature of damage to the ground 
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substance or the collagen fibers. Finally it was predicted that ground substance 

softening developed relatively independent of collagen fiber damage, while collagen 

fiber damage increased with damage to the ground substance.  

Briefly, the first steps towards the development of a cartilage damage model 

have been made in this thesis. Starting from a fibril reinforced poroviscoelastic swelling 

model, damage was introduced such that it could be attributed to particular aspects of 

the tissue, i.e. to collagen and ground substance. The potential benefits of this model 

include possibilities for understanding fundamental aspects of OA initiation and 

progression. For instance, it allows unraveling the specific effects of collagen damage or 

ground substance weakening. Such questions are extremely challenging to study 

experimentally. Future developments could then focus towards more clinical issues, for 

instance to develop and validate a computational tool that can be used to objectively 

predict the time course of OA progression in a patient-specific manner. 
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1.1 Articular cartilage (AC) 

Articular cartilage is a very thin layer of soft tissue which covers the end of bones 

in the joints in which the two bones meet each other and there is a relative motion 

between them, such as in the hip, knee, shoulders, fingers and etc. Articular cartilage is 

a wear resistant and fluid saturated tissue providing smooth sliding at the joints. 

Moreover, articular cartilage performs as a load distributer and absorber. This 

functionality is important in the hip and knee joint where many times the body weight is 

being carried. This important mechanical function makes biomechanical analysis of this 

tissue an interesting research field. 

Mechanical performance of articular cartilage is directly related to its composition 

and structure (Kempson et al. 1973; Schinagl et al. 1997; Charlebois et al. 2004). From 

a biomechanical point of view, articular cartilage is a biphasic material consisting of a 

fluid phase and a solid phase. Water, which consists between 65% to 80% of the tissue 

volume fraction has a very important role in absorbing the load applied to the cartilage 

as well as it is partly responsible for the time dependent biomechanical behavior of the 

tissue. The content of the water in the tissue varies through the depth of the tissue. 

Higher volume fraction of the water can be seen in the top layer of the tissue and the 

water content decreases with increasing in the depth of the tissue (Lipshitz et al. 1975; 

Shapiro et al. 2001; Rieppo et al. 2004, Wilson et al. 2007). 

The major biomechanically important solid constituents of the extracellular matrix 

(ECM) of the articular cartilage are collagen fibers and proteoglycans (PGs). Collagen 

fibers (mainly collagen type II) constitute 70% of the tissue dry weight, and its 

concentration is highest in the superficial and deep zones (Buckwalter et al. 1991; Mow 

and Guo 2002; Rieppo et al. 2004; Rieppo et al. 2005). PGs constitute 20–30% of the 

dry weight; their concentration is lowest near the surface and highest in the middle 

zone. The large negatively charged molecules of proteoglycans are actually entrapped 

in a network of collagen fibers. The interaction between the proteoglycans and collagen 

fibers produces a fiber-reinforced composite solid matrix (Buckwalter et al. 1991; 

Hunziker 1992; Wong et al. 1996). 

Beside the variation of the collagen content through the depth of the tissue, the 

orientation of the collagen fibers changes through the depth as well (Benninghoff 1925). 

This characteristic of the collagen network has a major contribution in the mechanical 

role of the tissue. The collagen fibers are vertical in the deep zone of the tissue and they 
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bend over in the middle zone to become parallel to the surface in the superficial zone 

(Benninghoff 1925). The horizontally parallel collagen fibers at the surface try to 

distribute the applied load over a larger part of the cartilage surface (Glaser and Putz 

2002; Thambyah and Broom 2006; Thambyah et al. 2009, Bevill et al. 2010). 

Another characteristic of articular cartilage which is important for its mechanical 

functionality is a phenomenon called Donnan osmotic swelling. In swelling, due to the 

fixed charge density (FCD) of the negatively charged PGs, the cation concentration 

inside the tissue is higher than in the surrounding synovial fluid. This creates an osmotic 

pressure difference that results in absorbing water into the tissue (Maroudas 1968; 

Maroudas and Bannon 1981; Chen et al. 2001). Fluid flow into the tissue due to Donnan 

osmotic swelling will expand the tissue. However, collagen fibers in the ECM stabilize 

the matrix by resisting against swelling pressure. By this mechanism the combination of 

collagen fibrils and swelling pressure determines the compressive stiffness of AC.  

Chondrocytes are the cells in articular cartilage tissue. They are responsible for 

biosynthesis of collagen fibers and proteoglycans but they are not important for the 

mechanical function of the tissue. They make up 2% to 5% of the total volume fraction 

of cartilage tissue (Urban 1994; Wong et al. 1997; Wang et al. 2002). 

1.2 Articular cartilage mechanics 

The structure and composition of articular cartilage as well as the interaction 

between the solid and fluid phases define the tissue mechanical behavior (Donzelli et al. 

1999; Huang et al. 2001; Huang et al. 2003; Park et al. 2004; Boschetti and Peretti 

2008). Because of the fluid flow through a porous media as well as the intrinsic 

viscoelasticity of the solid phase, articular cartilage behaves as a time dependent 

material. This means that the response of the tissue to mechanical loads depends on 

loading rate (Langelier and Buschmann 2003). Like other viscoelastic materials, 

articular cartilage shows higher stiffness if the load is applied faster. During deformation, 

the external load is first supported by the (incompressible) fluid fraction, and next 

gradually transmitted to the solid matrix as the fluid is expelled. Given enough time, the 

force will equilibrate over time from a peak and sharp response to a plateau (Boschetti 

and Peretti 2008). The fluid phase does not support external loads at equilibrium so at 

the time that fluid transport has stopped then all loads are transmitted to the solid part. 

However, since the time dependency of the material comes from both the solid and the 
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fluid phase, the ultimate internal equilibrium of the tissue depends on the component 

which takes most time to reach equilibrium (June et al. 2009; Cheng et al. 2009).  

In addition to the time dependent mechanical characteristic of articular cartilage, 

nonlinear tension-compression behavior is another articular cartilage characteristic 

(Huang et al. 2001; Huang et al. 2003). The solid phase, specifically the interaction 

between the collagen fiber network and the swelling behavior of the tissue, is 

responsible for the nonlinear tension-compression behavior. Collagen fibers can only 

withstand the tensile forces. When swelling occurs, due to the increase in size, the 

fibers will be placed under tension as they resist the swelling pressure. When 

subsequently compressive loads are applied, first this residual tension in the collagen 

fibers decreases. Increasing compressive load will be counterbalanced by the swelling 

pressure, which means that the fibers will no longer be in tension. By increasing the 

compressive load from this level, the fibers will buckle and will not withstand loading 

(Wilson et al. 2004). Only proteoglycans and fluid pressurization will balance the 

compressive load thereafter (Bank et al. 2000; Kurz et al. 2001; Huang et al. 2005; 

Rolauffs et al. 2010; Nishimuta and Levenston 2012; Julkunen et al. 2013).  

The above mechanisms make it difficult to analyze the response of cartilage to 

external loads that are different from standard unconfined or confined compression 

loading. In the regions which are under tension, the fibers are active and reinforce the 

tissue. In the regions under compression, the fibers will not participate in bearing the 

load. The tissue response depends on the kind of deformation the tissue receives, and 

may differ for various locations within the cartilage. The more deformation, the more 

displacement of water, which means more time needed for equilibrium. In addition, the 

collagen fibers themselves behave viscoelasticly, adding another time-dependency to 

the tissue response. 

1.3 Articular cartilage damage and osteoarthritis (OA) 

The mechanical functionality of articular cartilage in the hip and knee joint is 

more important than that of the other joints because many times the weight of the whole 

body is carried by these joints. Different kinds of mechanical loads are being applied to 

these joints in a normal life style such as static loads (body weight), dynamic loads 

(walking and running) and impact loads (jumping). As a consequence of overloading 

and overuse, articular cartilage is known to undergo substantial wear and degeneration 
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potentially leading to mechanical damage and eventually osteoarthritis (OA) (Natoli and 

Athanasiou 2009).  

Osteoarthritis (OA), also known as degenerative arthritis or degenerative joint 

disease, may be caused by acute or sustained mechanical abnormalities. OA involves 

degradation of articular cartilage and changes in the synovium and in the subchondral 

bone (Lorenz and Richter 2006). An increase in thickness, decrease in stiffness 

(softening), increase in permeability and an increase in water content are the typical 

characteristics of early degenerated articular cartilage (Lorenz and Richter 2006; 

Temple et al. 2007; Temple-Wong et al. 2009). These tissue level characteristics of 

degenerated articular cartilage originate from the changes that happen in molecular 

structure and content of the tissue. For example, damage to collagen fibers has clear 

influence on the swelling properties of the tissue. When fibrillation and disintegration 

occur in the collagen network, the fibers cannot withstand the swelling pressure as stiffly 

as before. Therefore the tissue will increase in thickness by absorbing more water into 

the tissue (Bank et al. 2000). Fibrillation and disintegration of the collagen network, 

which includes torn fibers as well as fibers which are peeled apart from each other, are 

among the reasons for the weakening of the degenerated articular cartilage. This 

weakening originates from the fact that the interfibrillar bonding in the collagen network 

has been partly or completely lost due to mechanical overloading. The loss of 

interfibrillar bonding due to mechanical overloading may happen inside the cartilage 

network even while the surface of the tissue is still intact. When this occurs, the collagen 

network is thought to become softer and less effective in resisting tensile loading 

(Temple et al. 2007; Shirazi et al. 2008; Siegmund et al. 2008; Temple-Wong et al. 

2009). Changes in proteoglycan molecules both in content and structure also 

characterize the tissue level characteristics of degenerated articular cartilage. 

Mechanical overloading and/or repetitive loading break the large PG molecules into 

smaller molecules (Pearle et al 2005; Mankin et al. 2000). In case this is accompanied 

by fibrillation and disintegration of the superficial collagen network, the small PG 

molecules will escape the tissue from the gaps opened on the surface of the tissue. This 

will lead to a decrease in PG content and consequently a decrease in compressive 

properties of the tissue. It has been shown that the compressive stiffness of articular 

cartilage decreases by 20% in early stages of tissue degeneration (Temple et al. 2007; 

Temple-Wong et al. 2009). 
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Although there is much data on the differences between normal and degenerated 

cartilage, the importance of softening in the ground substance, damage to the collagen 

network, and the possible interaction between them for the progression of cartilage 

damage remains speculative. Yet, such insight may be useful for future development of 

therapies to treat early OA. Computational models have matured where it has become 

possible to predict mechanical behavior of articular cartilage, time courses of tissue 

differentiation and bone adaptation under (patho)physiological conditions (Wilson et al. 

2005c; Halloran et al. 2012). Together they capture the essential aspects of progressive 

OA. However, a model that captures damage development in articular cartilage does 

not yet exist (Wilson et al. 2005c; Halloran et al. 2012). Such a model is necessary for 

simulating the (early) development of OA. Thus, the general aim of this thesis is to 

develop a damage model for articular cartilage, which is able to predict the earlier 

stages of disease progression, when collagen damage and ground substance softening 

are observed. We base our cartilage damage progression model on an existing, 

validated model on cartilage mechanics that incorporates a physiological collagen 

network and a swelling, non-fibrillar proteoglycan-rich matrix, and we extend this model 

with descriptions of damage in both the fibrillar and the non-fibrillar matrix. 

1.4 A brief background of articular cartilage computational 
models  

Articular cartilage is a biphasic material which means it contains both a solid and 

a fluid phase. The fluid phase includes water and the solid phase consists of a collagen 

network and a ground substance, mainly consisting of proteoglycans. Mow et al. (1980) 

first introduced a biphasic mixture theory in order to study mechanical behavior of 

cartilage. In a biphasic model the total stress of the tissue will be the sum of the fluid 

and solid stresses. In most biphasic models the solid matrix has been assumed linear 

elastic and isotropic. A biphasic model can also take into account the flow dependent 

viscoelasticity which comes from the flow of water through small pores of the tissue 

(Torzilli and Mow 1976a; Torzilli and Mow 1976b; Mansour and Mow 1976; McCutchen 

1982; Li and Herzog 2004; Macirowski et al. 1994; Soltz and Ateshian 1998; Setton et 

al. 1993). Though an isotropic biphasic model could explain the mechanical behavior of 

cartilage in some standard tests, such model is unable to capture experimental results 

under many other conditions because important features of cartilage are neglected. 

These include anisotropy caused by the collagen network, strain-dependent 
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permeability, flow-independent viscoelasticity and the swelling behavior of cartilage 

(Brown and Singerman 1986; Armstrong et al. 1984).  

Biphasic models were improved by transversely isotropic models in which part of 

the compression-tension nonlinearity originating from having different mechanical 

properties in the direction of compression and perpendicular to that direction was 

compensated (Garcia et al. 1998; Bursac et al. 1999; Donzelli et al. 1999). However, the 

transversely isotropic models could not capture the nonlinear behavior of articular 

cartilage in compression-tension tests that was originating from collagen fibers 

(Laasanen et al. 2003; Mow et al. 1989; Boschetti and Peretti 2008). The conewise 

linear elastic model could capture this effect in confined and unconfined compression 

tests, tensile and torsional tests (Huang et al. 2001; Soltz and Ateshian 2000; Huang et 

al. 2003). 

Fibril reinforced models which have been developed in late nineties (Soulhat et 

al. 1999) are models that can simulate the role of collagen fibers more effectively. In 

these models, the solid phase consists of two different components, the collagen fiber 

network and proteoglycans, respectively referred to as fibrillar and nonfibrillar parts of 

the ECM. In these models, collagen fibers reinforce the nonfibrillar part by having higher 

tensile stiffness along their directions. The solid stress is then the sum of the fibrillar and 

nonfibrillar stresses.  

Another improvement of cartilage mechanics models was the inclusion of 

Donnan osmotic swelling. Effects of electrical charges were included by adding a third 

and even a fourth phase to the biphasic models (Lai et al. 1991; Lai et al. 2000; Huyghe 

and Janssen 1997; Huyghe et al. 2009). This allowed to not only simulate the effects of 

confined and unconfined compression experiments, but also free swelling experiments 

in baths with various saline concentrations. 

Advanced models take both fiber reinforcement and osmotic swelling into 

account (Wilson et al. 2005b; Wilson et al. 2006a). This combination of is important for 

the mechanical behavior of cartilage, because the swelling caused by the proteoglycans 

in the nonfibrillar part tends to expand the tissue, while the collagen fibers resist this 

expansion and stabilize the shape and volume of the tissue at equilibrium.  

Finally, in these fibril reinforced swelling models, the depth dependent 

composition and structure of the cartilage tissue such as arcade-like orientation of 

collagen fibers and changing water content and proteoglycan density through the depth 
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of the tissue have also been considered in recent advanced fibril reinforced 

models (Wilson et al. 2005b; Wilson et al. 2006a). This allows to fully base the 

mechanical properties of cartilage on the biochemical composition of the tissue, which is 

a major advantage when a translation from experimental to numerical studies and vice 

versa are aimed for. 

Computational models of cartilage not only have been used to simulate and 

investigate the mechanical behavior of cartilage, but also they have been employed to 

predict the damage in cartilage. Since it is believed that mechanical overloading is one 

of the important causes of damage initiation and progression, the cartilage models have 

been used to calculate the high stresses and strains occurring in the tissue due to 

mechanical overloading. Then the regions with these high stresses and strains have 

been reported as the most potential regions for damage initiation. Wilson et al. 

(2006b) reported that the location of the maximum shear strain along the collagen fibrils 

corresponded well with location of collagen damage in relatively thin samples. However, 

to the best of our knowledge, a computational model which really includes a description 

of damage development in order to explore damage initiation and progression in 

cartilage has not yet been developed. Such model would allow for instance to study the 

interaction between different components of cartilage in damage development. 

1.5 Rational and outline of the thesis 

The general aim of this thesis is to develop a damage model for articular 

cartilage, which is able to predict the earlier stages of tissue degeneration. During these 

earlier stages, collagen damage and ground substance softening have been observed. 

Therefore, we base our degenerated tissue model on an existing, validated model on 

cartilage mechanics that incorporates a physiological collagen network and a swelling, 

non-fibrillar proteoglycan-rich matrix. 

One of the earliest signs of clinically observed OA is roughening of the articular 

surface, meaning that the superficial tangential zone (STZ) of cartilage has been 

compromised. It has been proposed that the superficial tangential zone (STZ) of 

articular cartilage is essential to the tissue’s load-distributing function, and therefore, any 

kind of structural disintegration to this layer may lead to OA initiation. However, the 

exact mechanism by which the STZ fulfills this function has not yet been revealed. 

Using a channel-indentation experiment, it was recently shown that compared to intact 
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tissue, cartilage without STZ behaves slightly stiffer, and deforms significantly different 

in regions adjacent to mechanically compressed areas. In Chapter 2, this channel 

indentation experiment was extensively evaluated computationally, showing that the 

horizontally oriented collagen fibers in an intact STZ result in superior load-bearing 

properties, because they distribute the applied load over a larger deep zone area 

compared to cartilage in which the STZ is compromised. 

 After showing that the model is able to capture STZ damage effects, we aimed 

to investigate even earlier aspects of cartilage damage. Since experimental data are 

sparsely available, in Chapter 3, we performed an experimental study in which we 

aimed to monitor cartilage mechanical softening in response to mechanical overloading. 

Based on earlier work, we hypothesized that excessive mechanical loading would 

initiate collagen damage, which would result in tissue softening due to early collagen 

damage. We questioned if a loading magnitude threshold exists above which softening 

occurs in cartilage. We approached this question by first identify a threshold load above 

which significant softening would be induced in articular cartilage. The premise was that 

when we identified initial tissue softening, collagen damage should have reached 

detectable levels. Therefore, we subsequently evaluated whether collagen damage 

could be detected by using immunohistochemical probe for denatured collagen. 

Although we hypothesized that the long-term changes do result from damage, 

attributing the results of Chapter 3 directly to damage was dangerous. As the tissue 

contains abundant water, surrounded by a matrix that contains viscoelastic components, 

part of the observed tissue response in the experiments may have been the result of a 

physiological time dependent complex response of cartilage. Therefore, in Chapter 4, 

we thoroughly explored the time-dependent behavior of cartilage in response to 

mechanical loading (indentation). This was also important because it has long been 

observed that initial loading curves generated by experimental loading of soft biological 

tissues are substantially different from subsequent loadings. Slow viscoelastic 

phenomena related to fluid flow or collagen viscoelasticity are initiated during the first 

loading cycles (preconditioning) and may persist during the actual collection of the data.   

With insights in the effect of time dependent behavior of the tissue, in Chapter 5, 

we aimed to capture the very early effects of loading on damage development with a 

damage model. This model is the beginning of a model that should be able to simulate 

the development of tissue softening as a consequence of damage to cartilage tissue. 
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This model works in such a way that as soon as strain levels in either the non-fibrillar or 

the fibrillar matrix exceed a certain threshold, damage accumulates and subsequently 

the material stiffness is reduced. Simulations showing how this model predicts damage 

progression over time are provided in this chapter. 

Finally, in Chapter 6, the insights achieved in the present thesis are generally 

discussed and summarized.  
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Chapter 2 
 

The Importance of Superficial Collagen Fibrils for the 
Function of Articular Cartilage 

 

Abstract 

It has been proposed that the superficial tangential zone (STZ) of articular cartilage is 
essential to the tissue's load-distributing function. However, the exact mechanism by which the STZ 
fulfills this function has not yet been revealed. Using a channel-indentation experiment, it was 
recently shown that compared to intact tissue, cartilage without STZ behaves slightly stiffer and 
deforms significantly different in regions adjacent to mechanically compressed areas (Bevill et al. 
2010). We aim to further explore the role of STZ in the load-transfer mechanism of AC by thorough 
biomechanical analysis of these experiments. Using our previously validated fibril-reinforced 
swelling model of articular cartilage, which accounts for the depth-dependent collagen structure 
and biochemical composition of articular cartilage, we simulated the above-mentioned channel-
indenter compression experiments for both intact and STZ-removed cartilage. First, we show that 
the composition of the deep zone in cartilage is most effective in carrying cartilage compression, 
which explains the apparent tissue stiffening after STZ removal. Second, we show that tangential 
fibrils in the STZ are responsible for transferring compressive loads from directly loaded regions to 
adjacent tissue. Cartilage with an intact STZ has superior load-bearing properties compared to 
cartilage in which the STZ is compromised, because the STZ is able to recruit a larger area of deep 
zone cartilage to carry compressive loads. 

 

 

 

 

 

 

This chapter is based on the following publication: 

Hosseini SM, Wu Y, Ito K, van Donkelaar CC (2013) The importance of superficial 

collagen fibrils for the function of articular cartilage. Biomechanics and Modeling in 

Mechanobiology DOI: 10.1007/s10237-013-0485-0 
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2.1 Introduction 

Articular cartilage covers the ends of bones in diarthrodial joints. It distributes 

loads in the joint and reduces contact stresses. For cartilage to perform this function, the 

interplay between its contents of water, proteoglycans (PGs) and collagen is essential. 

The fluid fraction in cartilage is approximately 80% and decreases from the surface to 

the deep zone (Shapiro et al. 2001; Rieppo et al. 2004). PGs constitute 20–30% of the 

dry weight; their concentration is lowest near the surface and highest in the middle zone 

(Hunziker 1992; Wong et al. 1996). The fixed charge density (FCD), defined as the 

number of fixed negative charges in the PG network divided by the free water content, is 

highest in the deep zone (Maroudas and Bannon 1981; Maroudas et al. 1991). Collagen 

constitutes 70% of the tissue dry weight, and its concentration is highest in the 

superficial and deep zones (Mow and Guo 2002; Rieppo et al. 2005). Collagen is 

organized such that it contains densely packed fibrils tangential to the surface in the 

superficial tangential zone (STZ), and perpendicular fibrils in the deep zone, extending 

to the subchondral bone (Benninghoff 1925; Wilson et al. 2004). The transitional zone 

occupies several times the volume of the superficial zone. In this zone, the collagen 

fibrils have a larger diameter and are more randomly arranged. The chondrocytes 

appear rounded and are larger and more active than in the superficial zone. PG content 

is high in this zone, and aggrecan aggregates are larger than in the superficial zone. 

This structural organization is thought to be essential for the load-bearing 

capacity of cartilage. Indeed, the earliest visible changes in arthritic articular cartilage 

involve roughening and fibrillation of the superficial zone (Buckwalter and Lane 1997; 

Buckwalter and Mankin 1998), which is accompanied by cartilage softening (Thibault et 

al. 2002; McCormack and Mansour 1998; Kleemann et al. 2005). These processes are 

thought to represent the onset of further structural and mechanical deterioration, 

ultimately leading to full cartilage degeneration and severe osteoarthritis (Boschetti and 

Peretti 2008). Therefore, the existence of an intact STZ appears to be essential to the 

functioning and maintenance of cartilage. 

Although cartilage softening is observed clinically when the STZ is compromised, 

the literature shows that the Young’s modulus and the compressive modulus increase 

with distance from the articular surface in intact cartilage (Schinagl et al. 1996; Schinagl 

et al. 1997; Shirazi and Shirazi-Adl 2008; Wang et al. 2003; Chahine et al. 2004). The 

experiments by Shinagl et al. (1997) were further evaluated computationally, showing 
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that this depth-dependency originates from pre-stress in the radial collagen fibrils 

(Wilson et al. 2007), as earlier suggested by Chahine et al. (2004) and in agreement 

with Kempson et al. (1973) who showed that tensile properties correlate with collagen 

content in the STZ, but not with proteoglycan content. In agreement with these data, 

Bevill et al. (2010) showed that cartilage appeared stiffer after removal of the STZ. 

However, the question remains how this relates to the contrasting clinical findings that 

cartilage behaves softer when the STZ is compromised (Buckwalter and Lane 1997; 

Buckwalter and Mankin 1998; Thibault et al. 2002; McCormack and Mansour 1998; 

Kleemann et al. 2005). 

To explore the mechanical effect of the STZ in more detail, Bevill et al. (2010) 

and Thambyah et al. (2009) loaded intact cartilage and cartilage from which the STZ 

was removed, with a channel indenter. With this setup, they showed that the collagen 

network deforms significantly different, depending on the integrity of the STZ. This 

confirms previous data by Glaser and Putz (2002), who analyzed the influence of 

removal of the STZ during compressive loading with another indentation setup. They 

concluded that removal of the STZ would impair distribution of a locally applied 

compressive load sideways. The biomechanical mechanism behind this load transfer is, 

however, not completely understood. This study aims to further explore the mechanism 

of load transfer by the STZ in articular cartilage, by biomechanical evaluation of the 

experimental work of Bevill et al. (2010). For that, a previously validated fibril-reinforced 

poroviscoelastic swelling model of articular cartilage is employed which accounts for the 

depth-dependent collagen structure and biochemical composition of articular cartilage 

(Wilson et al. 2006a; Wilson et al. 2007). Specifically, compression tests in healthy and 

STZ-removed cartilage are simulated, and results are compared with experimental 

observations of deformation and collagen structural responses. The stresses and strains 

in the STZ and inside the directly compressed and adjacent cartilage provide insight into 

the biomechanical of load transfer in articular cartilage. The results explain why removal 

of the STZ results in stiffening of the cartilage tissue, yet leads to apparent softening of 

the cartilage under physiological loading conditions, with clinical implications. 
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2.2 Materials and methods 

2.2.1 Model theory 

In the fibril-reinforced poroviscoelastic swelling theory articular cartilage is 

assumed as biphasic, consisting of a solid and a fluid phase. In the standard biphasic 

theory the total stress is given by (Wilson et al. 2007; Mow et al. 1980): 

stot p σIσ                                                                                                (1) 

where p is the hydrostatic pressure, σs the effective solid stress and I the unit tensor. 

Typically, the effective stress depends on strain only. Hence, the relative fluid and solid 

volume fractions do not influence the total stress in the tissue. However, in the biphasic 

model not only the amount of deformation but also the amount of solid has an influence 

on the stress contribution of the solid matrix. Therefore, if the dependency of the solid 

fraction on the effective stress is included then the total stress can be written as: 

)(,0,
0, Jnp
J

n
pnp Jrssrs

s
rsstot σIσIσIσ                                (2) 

where ns,0 and ns are the initial and current solid volume fraction, and J the volumetric 

deformation. Note that the dependency of the solid fraction on the volumetric 

deformation is included in the function for the real solid stress (σrs,J ). 

In this computational model, the effective solid stress in articular cartilage 

consists of three terms: the stress in the non-fibrillar part of the extracellular matrix 

(ECM) representing proteoglycan molecules (PG), the tensile stress in the fibrillar part of 

the ECM representing the collagen network and the swelling pressure due to negatively 

charged PGs. 

                   

     (3) 

where σnf is the Cauchy stress in the non-fibrillar matrix, σi
f is the fibril Cauchy stress in 

the ith fibril with respect to the global coordinate system, ρi
c is the volume fraction of the 

collagen fibrils in the ith direction with respect to the total volume of the solid matrix and 

Δπ is the osmotic pressure gradient. The non-fibrillar and fibrillar stress terms are 

defined per unit area of the non-fibrillar and fibrillar areas respectively. 
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2.2.1.1 Non-fibrillar part 

Although the solid itself is incompressible, because of its porous structure the 

entire solid matrix is compressible. The amount of compressibility depends on the water 

fraction, i.e. with a water fraction of zero or one, the matrix is fully incompressible or fully 

compressible, respectively. To include this in the model, the following expression for the 

Poisson’s ratio is proposed. 

  

                                              

                                            (4) 

Note that as the total solid is assumed to be incompressible, the relative fractions 

of the fibrillar and non-fibrillar matrix remain constant. By substituting this formula into 

the equations of bulk and shear moduli and implementing them into the energy function 

of the compressible neo-Hookean model (Wilson et al. 2007), the total stress of the non-

fibrillar matrix can be calculated by the following formula, which depends on the amount 

of deformation, the amount of solid and shear modulus Gm (Wilson et al. 2006a; Wilson 

et al. 2007): 

 (5) 

where σnf is the Cauchy stress of the non-fibrillar matrix and F is the deformation 

gradient tensor. 

2.2.1.2 Fibrillar part 

The fibril Cauchy stress tensor is as follows: 

                                                      
                                                    (6) 

where λ is the elongation of the fibril, Pf is the first Piola-Kirchhoff stress, and ef is the 

current fibril direction. Note that this total Cauchy stress of the fibrils is expressed as a 

function of the deformed surface that a fibril works on (Wilson et al. 2006a). 

Because the loading procedure of the reference experiments (Bevill et al. 2010) 

occurred over a very long duration (3 hours), the transient behavior of the tissue 

(viscoelasticity) for both fibrillar and non-fibrillar part were neglected and only the 

equilibrium state of the tissue was of interest. However, the equilibrium stiffness of the 
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collagen fibrils was considered strain-dependent (Charlebois et al. 2004). Therefore, the 

collagen fibrils were represented by: 

                                                                             (7) 

where Ԑf is the logarithmic fibril strain (Ԑf = log(λ)), and E (MPa) and k (dimensionless) 

are positive material constants. It was also assumed that fibrils do not withstand load 

when they receive compressive strain (Ԑf ≤ 0). 

2.2.1.3 Osmotic swelling 

Owing to the fixed charges of the PGs, 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 gradient referred to as “Donnan osmotic pressure gradient”, 

which is a driving force for fluid flow. However, part of the water inside cartilagenous 

tissues is absorbed by the collagen network, and PGs are excluded from this intra-

fibrillar space because of their large size. This means that their effective concentrations 

are much higher in the extra-fibrillar space than if they were distributed uniformly 

throughout the entire matrix. When the distinction between intra- and extra-fibrillar water 

is made the osmotic pressure gradient is given as follows (Wilson et al. 2005b; Wilson 

et al. 2006a; Wilson et al. 2007): 

                                                 (8)  

where α (α = internal, external) is the osmotic coefficient, cF,exf is the effective fixed 

charge density (FCD), γ α is the activity coefficients, and cext is the external salt 

concentration (Huyghe et al. 2003). R and T represent the gas constant (8.3145 J/molK) 

and absolute temperature (293 K) respectively. The approach to use this equation in a 

biphasic swelling formulation was extensively evaluated for applicability in cartilage 

(Wilson et al. 2005a). 

2.2.1.4 Permeability 
The present study only addressed the deformation of the tissue at equilibrium. At 

equilibrium, fluid flow does not occur and therefore the value for permeability was not 

important. It was set to a constant value of 1×10-12 m4/Ns for the whole tissue (Wilson et 

al. 2007). 
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2.2.2 Depth-dependent composition and structure 

The fluid fraction, collagen fraction and fixed charge density distributions as a 

function of the normalized depth z* (0 at the articular surface and 1 at the cartilage bone 

interface) were taken the same as in Wilson et al. (2006a) which is below (Figure 1). 

                                                                                                           (9) 

                                                                                      (10) 

                                                                                   (11) 

where nf is the total fluid volume fraction, ρc,tot is the total collagen volume fraction per 

total solid volume, and cF the fixed charge density in mEq/ml water. 

 

 
Figure 1 Depth-dependent contents of articular cartilage. 

 

The 3D-collagen network was captured as a combination of two fibril 

components (Wilson et al. 2006a; Wilson et al. 2007): one representing the dominant 

primary fibril orientation in cartilage (Benninghoff 1925), and a secondary less dense 

component, representing a quasi-isotropic fibril network as observed by scanning 

electron microscopy (Clark 1985; Clark 1991). Primary fibril directions extended 

perpendicular from the subchondral bone and then bended to align with the articular 

surface (Figure 2). To enable bending into medial, lateral, posterior and anterior 
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directions, 4 primary fibril directions were accounted for. To include fibrils under 45 

degree angles in 3D, in total 13 secondary fibril are included (Wilson et al. 2004). The 

density of collagen fibrils in primary and secondary directions are defined as follows:  

                                           (12) 

where C is a positive constant equal to 3.009 (Wilson et al. 2005a; Wilson et al. 2007). 

 

Figure 2 Orientation of the primary fibril direction as a function of depth. Left 

Cartoon of the arcade model of the fibrillar network. Right Orientation of four primary 

collagen fibril directions as implemented in the FEA model. 

 

2.2.3 Simulations 

In the experiments of Bevill et al. (2010), osteochondral blocks (14×14 mm) were 

equilibrated in 0.15 M saline, before a nominal compressive stress of 4.5 MPa was 

applied with a channel indenter consisting of two rectangular platens (8×3 mm) 

separated by a 1 mm channel relief zone (Figure 3a) for three hours. While 

compressed, the tissue was formalin-fixed and processed for histology. Tissue shape 

and structure was examined by DIC microscopy to enhance the contrast in unstained 

samples. This was done for intact cartilage (average height 1.74 mm) as well as for 

samples from which the STZ had been removed (average height 1.07 mm) (Figure 3b). 

From the DIC images, strains in the tissue were computed for both the directly 

compressed region (dc) and the channel relief zone (cr) as: 

                                                           (13) 
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where h0 is the height before compression, determined from the periphery of the 

sample, and  hdc and hcr the height of the respective zones during loading (Figure 3a). 

This experiment was simulated using the above model in ABAQUS 6.9 (Abaqus 

Inc., Providence, RI). Cartilage height was 1.74 mm, and sample size was reduced from 

14 to 0.5 mm in the x-direction, and plane strain conditions were prescribed at the cut 

surfaces. The mesh contained 2464 eight-node brick elements, refined near the corners 

of the indenter. The STZ-removed samples were modeled by simply using the lower 

1.07 mm of the entire model (Figure 3b). Consequently, the main differences between 

intact and STZ-removed samples were sample height, the absence of tangential 

collagen fibrils, and a difference in tissue composition where the STZ-removed samples 

contain the contents as visualized in Figure 1 between z* = 0.4 and 1.0. 

As a starting point, the model parameters that were previously determined for 

simulating healthy cartilage with this model were used (Wilson et al. 2006a). However, 

these parameters were determined from deformation experiments up to 20% strain, 

while in the present experiments strains reached over 50% strain. At these high 

compressive strains, collagen contributes to the compressive stiffness, making the 

tissues behave significantly stiffer (Römgens et al. 2013). This effect was compensated 

for by increasing the stiffness of the non-fibrillar matrix (Gm), using the strain under the 

indenters and the bulge height in the channel as reference. The final set of material 

parameters was Gm = 12.18 MPa, E = 45 MPa and k = 56. 

 

Figure 3 a Channel indenter: cartilage-on-bone (top) (Bevill et al. 2010), model 

simulation (bottom) b Intact-1.74 mm thick (top), STZ-removed-1.07 mm thick (bottom) 

adapted from Bevill et al. (2010). 

2.3 Results 

The tissue is severely compressed under the indenter, while the height of the 

cartilage in the channel region is less reduced and therefore appears as a bulge. This 

general appearance of the deformation was similar for the simulations (Figure 3a). After 
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removing the STZ, the tissue was found to be 1.06-fold stiffer in the directly compressed 

region. This effect was also matched in the simulation (1.09-fold increase) (Table 1). 

Furthermore, it was experimentally shown that the strain in the bulge was decreased 

after removal of the STZ from 0.71 to 0.23. This effect was also apparent from the 

simulations, although quantitatively the effect of removing the STZ is more prominent in 

the experiment than in the simulation (0.68 to 0.39) (Table 1). 

 

Table 1 Comparison between observed (Bevill et al. 2010) and computed strains 

in the bulged and directly compressed regions. All strains are calculated relative to the 

original undeformed height (Eq. 13). 

 Experimental  Simulation  Bulge/indenter  

 Strain (%)  Strain (%)    

 Indenter Bulge Indenter Bulge Experiment Simulation 

Intact 56 40 50 34 0.71 0.68 

STZ-removed 53 12 46 18 0.23 0.39 

Intact/STZ-removed 1.06 3.33 1.09 1.89 3.09 1.74 

 

To evaluate tissue stiffening after STZ removal, additional simulations were 

performed. First, structure and composition of the STZ-removed sample were used, 

while sample height was kept identical to the intact sample. Second, the height of the 

intact sample was changed to that of the STZ-removed sample, while the composition 

was taken identical to the intact sample. In addition, the effect of tissue composition was 

explored by applying homogeneous fixed charge density and/or non-fibrillar matrix 

stiffness over the construct height in simulations with samples of the different heights. 

With similar heights and different compositions, the ratio of stiffness between intact and 

STZ-removed samples increased from 1.09 to 1.13. With homogeneous FCD and 

homogeneous non-fibrillar stiffness, STZ-removal did not result in stiffening of the tissue 

(stiffness ratio reversed from 1.09 to 0.96), independent of sample height. 

For evaluating the biomechanics involved in the compression of the tissue in the 

channel region such that a bulge develops, first the stress distribution in the intact 

sample is considered. Compressive stress in the non-fibrillar matrix was localized in the 

superficial zone of the directly loaded region, but stress was lower and rather 

homogeneous in the bulge area (Figure 4a). Shear stress was localized superficially 
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near the corners of the indenter (Figure 4b). High tensile stresses developed in the 

superficial tangential collagen fibrils, with highest values located in the channel region 

(Figure 4c). Maximum principal stresses were highest in the superficial zone, gradually 

declining in the transitional area (Figure 4d).  

 

 

 

Figure 4 a Stress in the direction of loading (vertical in the image). b Shear 

stress. c Stress in the collagen fibrils that bend from the deep zone toward the left when 

they approach the surface. Fibrils that bend the other direction show mirrored stress 

distribution. d Maximal principal stress in the cartilage. 

 

After removing the STZ, the tissue bulge in the channel region is higher than the 

tissue bulge in intact samples. (Table 1), and the total stress in the fibrils and the non-

fibrillar matrix remains low (Figure 5). 
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Figure 5 von Mises stress in intact cartilage (a) in STZ-removed cartilage (b). 

 

In the directly indented regions, both with and without superficial zone, fluid loss 

reaches almost 18-20%. The bulging part of the intact cartilage lost approximately 10% 

of its water content, while the bulge in the STZ-removed tissue remained well hydrated 

with fluid loss below 5% (Figure 6a,b). Consequently, the swelling pressure, which is a 

function of the free water in the tissue, increased more in the channel region of the 

intact than the STZ-removed tissue cartilage (Figure 6c,d).  
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Figure 6 Fluid fraction change is negative under all conditions, showing 

significant compression in the indented as well as in the channel region. Fluid 

expression in the bulge area as a consequence of the loading is more excessive in 

intact cartilage (a) than in STZ-removed cartilage (b). Swelling pressure for intact (c) 

and the STZ-removed samples (d) follow the fluid fraction decrease. 
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The final evaluations involved a comparison between simulation parameters and 

structural phenomena that were observed experimentally (Bevill et al. 2010). First, intact 

and STZ-removed cartilage differed in appearance of bright and dark areas using DIC 

microscopy. The intact cartilage showed a small dark area covering the surface of the 

bulge and a larger triangular region in the deeper areas, while in the STZ-removed 

cartilage the dark color extended throughout the bulge (arrows in Figure 7c,d). The 

peculiar shapes of these dark areas in both samples coincided with the distribution of 

minimal principal strains in the simulations (Figure 7a,b).  

 

 

Figure 7 Minimum principal strain for intact cartilage (a) and STZ-removed 

cartilage (b) compared with DIC microscopy images of intact cartilage (c) and STZ-

removed cartilage (d). Arrows indicate areas with comparable characteristics, i.e. darker 

areas in DIC microscopy and least minimal principal strains (Bottom images are 

adapted from Bevill et al. (2010)). 
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The second observation involved a sharp transition in color of the DIC images in 

the lateral areas of the bulge, well below the surface of the tissue (Figure 8b). This 

sharp band co-localized with the maximal principal strain (Figure 8a), where the sharp 

transition was in the zone where fibrils were bent over and continue approximately 

tangential to the surface.  

 

 

Figure 8 Maximum principal strain (a) compared with DIC microscopy in intact 

cartilage (b). 

2.4 Discussion 

A thorough comparison between experiments of Bevill et al. (2010) and 

simulations using our composition-based FE model of articular cartilage, explains two 

phenomena related to cartilage mechanics and function. First, the tangential collagen 

fibrils in the STZ of cartilage are fundamental to the transfer of stresses between directly 

loaded regions and adjacent regions that are not directly loaded (Figure 4, Figure 5). 

Hence, the STZ recruits a larger cartilage surface for loadbearing. Second, as a 

consequence of its depth-dependent composition, and because the superficial zone is 

the weakest zone under compression, the cartilage average tissue stiffness increases 

after removal of the STZ (Table 1). Together, this means that the deep zone of cartilage 

is the most effective zone to resist compression, while the STZ ensures that externally 

applied load is carried not only by the deep zone tissue that is directly under the loaded 

surface, but also by adjacent deep zone tissue. Removal of the STZ abolishes this 

surface-area recruiting function. Consequently, after removal of the STZ, the tissue may 
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behave stiffer in directly compressed regions, but load applied to the cartilage is carried 

by a smaller area than in intact tissue. 

Our analyses also allows for a more detailed interpretation of the original data of 

Bevill et al. (2010). Based on appearance of the tissue, they identified so-called shear-

bands in the channeled area, underneath the tissue surface. Our analyses however 

show that the largest shear strains occur at a distinct location, at the surface of the 

tissue close to the corners of the channel indenter (Figure 4b). The location of ‘shear 

bands’ is best represented by the triangular area where neither compressive nor tensile 

stresses are excessive (Figure 7). How these mechanical variables would translate into 

the structural observation of ‘shear bands’ under DIC remains unexplained. Similarly, 

the peculiar, sharp transition between dark and bright colors that was observed in the 

tissue under the edge of the indenter (Figure 8) correlates nicely with high principal 

strains. Apparently, both low and high principal strains affect the appearance of DIC 

images, but a direct interpretation of the structural phenomena is difficult. 

 Simulations provide additional insight in the importance of hydrostatic and 

osmotic pressures and fluid flows for the bulge to develop, as proposed by Bevill et al. 

(2010). In agreement with their speculations, fluid flows from the compressed region into 

the bulge from where it leaves the tissue. This causes temporal effects on bulge shape. 

The experimental data, however, involve equilibrium conditions during which fluid flow is 

absent by definition. Under these prevailing equilibrium conditions, hydrostatic pressure 

is zero. Thus, the remaining factor pressurizing the fluid is the internal osmotic pressure. 

Indeed, the bulge shape is larger when total swelling pressure is increased, as nicely 

shown experimentally in a follow-up study in which the tissue is osmotically challenged 

(Bevill et al. 2010). Under given external osmotic conditions, however, our analyses 

show that the osmotic pressure is lower in the bulge than in the directly compressed 

region (Figure 6c,d). The rationale is that the number of fixed charges per fluid volume 

increases when water is expelled from the tissue. Consequently, we postulate that the 

tissue bulge does not appear because of excessive osmotic pressure in the channel. 

Rather than being pushed upward, the bulge in the channel region is less compressed 

than the directly loaded region. The channeled region is subsequently compressed by 

the effective stress in the tangential collagen fibrils and the magnitude of this effective 

stress depends on the integrity of the superficial collagen (Figure 6). In the absence of 

an intact superficial layer, the compressive load is not transferred to the channeled area. 

Therefore, the tissue is less deformed and the bulge remains more pronounced. 
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To obtain deformations that are consistent with those measured in the 

experiments by Bevill et al. (2010), the compressive stiffness of the matrix is increased 

to 12 MPa. This high compressive stiffness cannot be explained by variability in 

composition or structure between sample-origin or species. We postulate that the 

reason for the excessive deformation is that the generally used values for cartilage 

stiffness underestimate the tissue stiffness at high strains. Previously, physiological 

properties for the poroviscoelastic fiber-reinforced swelling model were obtained from 

simultaneous fits to distinct sets of experimental data (Wilson et al. 2006a). The 

cartilage sample used in these fits has the same representative composition (Shapiro et 

al. 2001; Rieppo et al. 2004; Maroudas and Bannon 1981; Lipshitz et al. 1975; Chen et 

al.  2001) and collagen structure (Benninghoff 1925; Clark 1985; Clark 1991) as the one 

used in the present study. The experimental data used in the fitting procedure include 

osmotic swelling, and up to 20% confined and unconfined compression and indentation. 

Variations in this constitution and fibril structure between joints or species affects the 

macroscopic mechanical behavior of the tissue, and may be adjusted for specimen-

specific modeling, while using the original material parameters for these constituents. 

However, these are valid up to the 20% strain range for which they are originally fitted. 

In the present study, the strains exceed 50% (Table 1). It has recently been shown that 

in cartilaginous tissues, at strain levels above 35% the collagen contributes significantly 

and strongly non-linear to the compressive stiffness of the tissue (Römgens et al. 2013). 

To accommodate for this effect, the bulk modulus has been increased in the present 

study to a value that is excessive for physiological loading conditions, but is appropriate 

for the high compressions used in the experiments by Bevill et al. (2010). Also, to 

evaluate the applicability of the model to study these high strains, a tensile test has 

been performed in which the strain behavior was evaluated (Appendix A).  

Both the magnitude of compression and the channel indentation are not 

physiological loading conditions, but were deliberately chosen by Bevill et al. (2010) to 

study the importance of the superficial zone without adverse boundary effects due to 

sample preparation and aiming to exaggerate findings by Glazer and Putz (2002). 

Indeed, the channel indenter experiment reveals new aspects of tissue deformation 

before and after removal of the STZ. However, due to the complexity of the 

experimental conditions it is difficult to interpret these findings. The present study 

provides more insights in these aspects by simulating the experiment using a numerical 

model.  
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In addition to providing more insight in the experimental data by Bevill et al. 

(2010), two general conclusions are derived from the present numerical evaluation. 

First, we explain that cartilage without STZ appears stiffer than intact cartilage, because 

of the depth-dependent composition of cartilage. This confirms literature showing that 

the compressive modulus of the STZ is lower than that of the middle and deep zones 

(Schinagl et al. 1997; Shirazi and Shirazi-Adl 2008; Schinagl et al. 1996; Wang et al. 

2003; Chahine et al. 2004; Wilson et al. 2007; Kempson et al. 1973). The present study 

shows that this effect prevails even though the integrity of the collagen network is lost. 

Second, we reveal the mechanism by which superficial fibrils transfer load from loaded 

to non-loaded regions, thus recruiting a larger cartilage surface for carrying mechanical 

loads. In the absence of these fibrils, this load-sharing effect is significantly impaired.  

 The latter insight has clinical implications. First, it explains why mild fibrillation is 

a strong indicator for progressive cartilage damage in osteoarthritis. Stress transfer 

within the STZ is essential for load distribution over a larger cartilage surface, and 

therefore also for reducing peak stresses that may be transferred between bones. This 

load transfer is prohibited when the STZ is removed, and also when the tangential fibrils 

become discontinuous, i.e. when the tissue is fibrillated. Second, as a consequence of 

the mechanical importance of an intact STZ, we propose that surgical debridement of 

the cartilage surface during arthroscopy, even when the surface is mildly fibrillated, 

should be done with care. Removal of any intact STZ is detrimental to load-sharing 

between directly loaded and adjacent cartilage, and therefore increases peak stresses 

in cartilage, putting it at risk for further damage. Third, these findings suggest that an 

implant to replace diseased cartilage should preferably include an STZ-like zone. This 

agrees with studies showing that the reproduction of an appropriate STZ would likely 

stimulate the integration of tissue engineered implants with the surrounding host 

cartilage (Khoshgoftar et al. 2013). 

2.5 Appendix 
In order to verify model behavior under the large range conditions used in the 

present study, a large deformation tension and compression test has been simulated for  

a 3D cylinder with 2 mm diameter and 1 mm height. The material is identical to the 

material used in the present study. Top and bottom of the cylinder were fixed in the 

plane perpendicular to the loading direction, and nodes were allowed to move freely 

within that plane. 
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After an initial swelling phase, the axial and radial strains in tension (140% strain) 

and compression (50% strain) have been plotted against each other (Figure 9). The 

result of deformation shows that the model does not collapse, with realistic strain 

behavior in both tension and compression, with more loss of volume (fluid) in 

compression than in tension (Figure 9). This verifies that the cartilage model used in the 

present work can be applied to the large strain range in the present study. 

 

 

Figure 9 Axial strain against radial strain in the whole range of deformation for a 

swollen disk of diameter 2 mm and height 1 mm. The axial and radial strains start at 

positive values, because prior to the compression and tension testing, the tissue is 

allowed to swell to equilibrium. 
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Chapter 3 
 

Is Collagen Fiber Damage the Cause of Early Softening in 
Articular Cartilage? 

 

Abstract 

Because collagen damage and cartilage softening have not yet been determined 
simultaneously in one study for the very early onset of osteoarthritis (OA), it remains questionable 
whether they are associated. The aim of the present chapter is therefore to evaluate whether 
indeed, initial collagen damage can be found when tissue softening occurs as a result of excessive 
mechanical loading. To investigate this aim, a series of specific indentation loading protocols were 
designed to induce and monitor cartilage softening in osteochondral explants of bovine 
carpometacarpal joints. The experiment contained one control group (n = 6) in which no damage 
was induced and four experimental groups in which samples received either a constant load of 3 (n 
= 5), 6 (n = 5) or 15 N (n = 6), or an increasing load (n = 7) from 2 to 13 N in 11 steps. Moreover, to 
determine mechanically induced collagen damage, Col2-3/4M (cumulative collagen damage) and 
Col2-3/4Cshort (only enzymatic damage) staining were compared. The normalized peak and 
equilibrium reaction forces decreased in the groups that received increasing and 15 N peak 
loading. However, Col2-3/4M staining was negative in all samples, while enzymatic damage (Col2-
3/4Cshort) appeared similar in experiments and in unloaded control groups. It was shown that a 
loading magnitude threshold exists above which softening occurs in cartilage. However, in samples 
that did show softening, we were unable to detect collagen damage. Thus, our results demonstrate 
that cartilage softening most likely precedes collagen damage. 

 

 

 

 

 

 

This chapter is based on the following publication: 

Hosseini SM, Veldink MB, Ito K, van Donkelaar CC (2013) Is collagen fiber damage the 

cause of early softening in articular cartilage? Osteoarthritis and Cartilage 21(1) 136-

143 
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3.1 Introduction 

Articular cartilage in diarthrodial joints exhibits unique mechanical properties 

enabling it to transmit and distribute loads. These biomechanical functions are assured 

by the extracellular matrix (ECM) consisting primarily of collagen fibrils embedded in a 

gel of proteoglycans (PG) with low permeability for water flow (Thibault et al. 2002). PGs 

resist compression while the collagen network withstands tension (Williamson et al. 

2003; Ottani et al. 2001; Broom and Poole 1983). These functions are compromised 

during osteoarthritis (OA), a degenerative joint disease in which deterioration of the 

ECM occurs (Boschetti and Peretti 2008). 

Impact loading and single acute overloads may initiate biological degenerative 

responses of cartilage (Buckwalter 1995; Guilak 2011). Several studies addressed 

failure of cartilage following mechanical impact, during which hydrostatic pressure builds 

as a result of entrapped water within the matrix (Milentijevic et al. 2003; Ateshian et al. 

1994; Ateshian and Wang 1994; Solts and Ateshian 1998). Torzilli et al. (1999) used 

indentation impact loads to the center of bovine cartilage explants with stress 

magnitudes of 0.5 to 65 MPa at a constant stress rate of 35 MPa/s. Cell death was 

observed first in the superficial tangential zone (STZ) at stress magnitudes of 10–15 

MPa. Matrix damage was initiated at approximately 25 MPa, while impacts > 45 MPa 

produced strains of > 80% and massive tissue damage. Repo and Finlay (1977) 

impacted explants of human articular cartilage-on-bone in unconfined compression at 

strain rates of 500 and 1000 sec-1. Cell death and structural damage initiated at the 

articular surface and around fissures at strains of 20–30% corresponding to a stress of 

25 MPa. Ewers et al. (2001) impacted bovine cartilage explants in unconfined 

compression using stress rates of 40 MPa/s and 930 MPa/s. Both stress rates deformed 

the explants to about 50% at 40 MPa peak stress. Cell death was observed around 

surface fissures and was more extensive in the samples subjected to the lower stress 

rate.  

The above studies involved direct cartilage damage as a consequence of single 

impact loads. However, primary OA develops over time and the onset is not clear. 

Already in early or pre-OA stages of OA, the static and dynamic Young’s and aggregate 

moduli of articular cartilage are reduced between 20% and 80% (Mankin et al. 2000; 

Bonassar et al. 1997; Nieminen et al. 2000; Toyras et al. 1999; Wayne et al. 2003; 
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Laasanen et al. 2003; Toyras et al. 2003). This involves both tensile and compressive 

stiffness of the tissue. 

The cause of this early change in mechanical properties remains unclear, but it 

has been speculated that damage in the collagen network, which is another early event 

in OA (Natoli and Athanasiou 2009; Brown et al. 2012), may be responsible. 

McCormack and Mansour (1998) noticed that a reduction in tensile strength of cartilage 

preceded surface damage under repeated compressive loading of 65 N in vitro. To 

reveal sites of collagen damage, a set of monoclonal mouse antibodies to localize 

denatured collagen (Col2-3/4M) or enzymatically cleaved collagen (Col2-3/4Cshort) has 

been employed (Thibault et al. 2002; Dodge and Poole 1989; Chen et al. 1999; Wilson 

et al. 2006b). Thibault et al. (2002) showed collagen damage in explants loaded by 

average peak stresses ranging from 2 to 8 MPa. Chen et al. (1999) showed that 

collagen damage induced by 5 MPa pressures extended from the superficial layers into 

the deep zone, when this pressure was sustained from 20 to 120 minutes. In addition, it 

was shown that collagen damage occurs earlier in thin than in thick cartilage, and this 

effect was associated with both shear and tensile strains in the fibrillar network (Wilson 

et al. 2006b). Except for damage to the collagen network, no signs of tissue damage 

were histologically apparent at the loading magnitudes that were used.  

From the above studies it can be concluded that both softening and collagen 

damage occur in early OA. We may hypothesize that cartilage softening occurs as a 

result of initial collagen damage. However, because collagen damage and cartilage 

softening have not yet been determined simultaneously in one study for the very early 

onset of OA, it remains questionable whether they are associated. The aim of the 

present study is therefore to evaluate whether indeed, initial collagen damage can be 

found when tissue softening occurs as a result of excessive mechanical loading.  

We approached this question by first identify a threshold load above which 

significant softening is induced in articular cartilage. The premise is that when we start 

to identify tissue softening, collagen damage should have reached detectable levels. 

Therefore, we subsequently evaluated whether collagen damage could be detected 

using the abovementioned immunohistochemical probe for denatured collagen.  
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3.2 Materials and methods 

3.2.1 Sample preparation and setup description 

Osteochondral plugs (n = 29, ø7.5 mm, average full-depth cartilage thickness 

0.95 mm, average bone thickness 5 mm) were obtained from young bovine 

carpometacarpal joints and stored at  20°C until testing. Samples were thawed and left 

to equilibrate in PBS at room temperature for about 30 minutes. Cartilage thickness was 

determined as the average of the thickness observed at four sides of the biopsy by 

stereomicroscopy. Samples were fixed by dental cement to the bottom of a 20 mm high 

bath filled with PBS in such a way that the articular surface of the sample was 

horizontal. 

Samples were indented with a stainless steel spherical indenter (tip radius = 1 

mm), using either a Zwick tensile tester (Z010, Zwick Roell, Ulm, Germany) with a 2.5 

kN load cell (type Xforce P, Zwick Roell, Ulm, Germany) and TestExpert II software 

(Version 3.1), or Bose tensile tester (ElectroForce LM1 TestBench, Bose Corporation, 

Minnesota, USA) with a 20 N load cell. The response of the control groups (below) 

showed no difference between the two loading systems. 

3.2.2 Loading protocols and force relaxation parameters (FRPs) 

The experiment contained one control group in which no damage was induced 

and four experimental groups in which different levels of peak loads were applied. All 

groups received a baseline loading of 5% indentation, which was initially applied for 90 

minutes to ensure equilibrium. Subsequently, each 1500 s, a 600 s period of 10% 

indentation was applied at a strain rate of 0.001 mm/s, during which relaxation was 

monitored, followed by 900 s period of 5% baseline indentation. After 600 s during this 

phase, the indenter was lifted from the sample to obtain a reference 0 N force 

measurement. These cycles were applied 11 times (Figure 1a, blue line). Superimposed 

on this control-loading regime (n = 6), the other four experimental groups received 10 

peak loads during each baseline period. This was either a peak load of 3 N (n = 5), 6 N 

(n = 5) or 15 N (n = 6), or an increasing peak load (n = 7) from 2 to 13 N (Figure 1a, red 

line). Loads were applied at a strain rate of 0.017 mm/s, and the indenter was lifted at 

the same rate immediately after reaching the maximum load. 
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Figure 1 a Indenter displacement against time to monitor softening (control 

group, blue line) and to apply peak loads (increasing load group, red line) (Cartilage 

thickness 1 mm). b Typical relaxation curve during 10% indentation: peak value (black 

dot), equilibrium value (green line), and force reduction value (red arrow). 

 

The force relaxation curves at 10% indentation were used to analyze changes in 

tissue properties as a consequence of the peak loads. Four features were extracted 

from these curves: peak force, equilibrium force, force reduction value (Figure 1b) and 

the relaxation time constant which was defined as the time for force to decrease to 37% 

of its initial peak value. Together, these four extracted features represented the 

relaxation curve and through the rest of this paper they will be referred to as “Force 

Relaxation Parameters” (FRP). For comparison between samples and experiments, 

FRP’s of the control group are subtracted from the experimental groups, after which the 

data are normalized to their first cycle values. 

The four FRPs are the critical features of the time dependent reaction force 

response of the cartilage samples. During the relaxation phase, water is displaced and 

loads are gradually transferred to the solid matrix. Given enough time in the relaxation 

phase, the tissue will reach equilibrium so any change in the FRP indicates alterations 

in the tissue composition and structure. To evaluate the initiation and progression of 

softening due to different types of loading, the differences between FRP values of the 

second and the first relaxation test, and between the last and the first relaxation test 

were examined. 
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3.2.3 Histology and biochemical analyses 

After loading, cartilage was separated from the subchondral bone using a 

scalpel. About one third of each sample was dissected and used to determine water-, 

GAG- and collagen fractions. Per experimental group, explants were lyophilized, 

weighed dry (A quarter of each sample was weighted (wet weight), cut in small pieces 

and lyophilized for 24 hours to obtain dry pellets. Samples were reweighted to 

determine their dry weight), and digested in papain solution (100 mM phosphate buffer, 

5 mM L-cystein, 5 mM ethylenediaminetetraacetic acid (EDTA) and125-140 μg/ml 

papain) at 60°C for 16 h. The sulfated-glycosaminoglycan (sGAG) content was 

determined using a modification of the assay described by Farndale et al. (1986), with a 

shark cartilage chondroitin sulfate reference (Sigma). Subsequently, digested tissue 

samples were hydrolyzed in 6 M hydrochloric acid (Merck, Whitehouse Station, NJ, 

USA) and hydroxyproline (HYP) quantity was assessed using an assay modified from 

Huszar et al. (1980) with a trans-4-hydroxyproline (Sigma) reference. Collagen content 

was obtained by multiplying the hydroxyproline content with 7.6 (Sivan et al. 2006; Kock 

et al. 2010). GAG- and collagen fractions were normalized to the dry weight.  

The remaining two thirds, which included the center of the sample where the 

indentation was applied, was used for histological analyses. In the most central slices, 

picrosirius red and safranin O/fast green stainings were evaluated for general 

histological appearance and for monitoring local changes in PG and collagen content at 

the site of indentation through the depth of the tissue. Col 2-3/4M and Col 2-3/4Cshort 

immunostainings were performed to analyze mechanically induced collagen damage 

and enzymatically cleaved collagen, respectively (Thibault et al. 2002; Dodge and Poole 

1989; Chen et al. 1999; Wilson et al. 2006b). The 7 μm slices were incubated in 1% 

testicular hyaluronidase (30 min, 37°C), followed by 10% normal horse serum (Col2-

3/4M) or 10% normal goat serum (Col2-3/4Cshort) (30 min, RT), and Col2-3/4M or Col2-

3/4Cshort antibody (1/800, overnight, 4°C). Subsequently, sections were incubated in 

biotin-labeled horse anti-mouse antibody (Col2-3/4M) or goat anti-rabbit antibody (Col2-

3/4Cshort) (1/400, 1 hour, RT) followed by a biotin streptovidin detection system (30 min). 

Finally, they were incubated in 10 mg 3’,3’diaminobenzidine dissolved in 15 ml PBS with 

12 μl 30% H2O2 (7 min) and counterstained with Mayer’s haematoxylin. Negative 

controls were incubated in PBS instead of in Col2-3/4M and Col2-3/4Cshort antibodies. 

As positive control, a sample was stained that was excessively loaded by compressing it 

manually using a thin metal plate. 
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3.2.4 Statistical analyses 

Data are represented as mean +/- 95% confidence intervals. Statistical analyses 

were done using SPSS (Version 19, IBM SPSS Statistics, Chicago, IL). The one sample 

t-test was employed to verify that parameters of the control experiments were not 

significantly changed during the experiments. Comparisons between experimental 

groups were performed by one-way ANOVA using Bonferroni post hoc testing to identify 

specific significant differences. Levene’s test and Shapiro-Wilk test were used to test the 

homogeneity of variance and the normality. Both were used to justify the one-way 

ANOVA test. Correlations between force relaxation and compositional parameters were 

tested using the Pearson correlation analysis test. In all cases p < 0.05 was considered 

significant. 

3.3 Results 

3.3.1 FRP variations 

None of the FRP’s of the control group was significantly different from zero (all 

relaxation similar to the first relaxation), and there was no difference between samples 

evaluated with the two tensile testing systems (data not shown).  

The normalized peak (Figure 2) and equilibrium reaction forces (Figure 3) 

decreased in the groups that received increasing and 15 N peak loading. Negative 

values for the peak and equilibrium parameters indicate softening. Time constant did not 

change significantly with peak loading cycles in any group. 
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Figure 2 Normalized peak values (mean + 95% confidence intervals). Reported 

p-values are those comparing the values of the 11 cycles within each loading protocol. n 

is the number of independent samples, and m is the number of femurs used to collect 

samples. 

 

 

Figure 3 Normalized equilibrium values (mean + 95% confidence intervals). 

Reported p-values are those comparing the values of the 11 cycles within each loading 

protocol. n is the number of independent samples, and m is the number of femurs used 

to collect samples. 
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In the 15 N group, most softening occurred during the first loading cycles as 

apparent from the difference in FRP values between the second and the first loading 

cycle (Figure 4a). In the increased loading group, softening steadily increased with 

increased loading, and was only significant after multiple cycles (Figure 4b). The 

eventual softening that occurred at the end of the increasing load group and the 15 N 

group was not significantly different from each other. Groups that received 3 N or 6 N 

did not differ from control even after ten peak loads (Figure 4b).  

 

Figure 4 Bar graph with all FRP per experiment type displayed as subtraction of 

a the second from the first cycle value, b the last from the first cycle value. (mean ± 95% 

confidence intervals). 
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3.3.2 Biochemical analyses 

Average height of all samples was 0.95 ± 0.12 mm, with no difference between 

the groups (Figure 5). Also, the biochemical compositions of the samples per group was 

similar, with only a statistical difference for the average water fraction (after loading) in 

the increasing peak load group (0.78 ± 0.04) compared to the constant 6 N (0.83 ± 0.02) 

and 15 N (0.84 ± 0.01) peak load experiments (Figure 5).  

 

 

Figure 5 Average compositional parameters per experiment type. GAG and 

collagen fractions are normalized to the dried weight of the sample. (mean ± 95% 

confidence intervals). 

3.3.3 Histology 

Picrosirius red and safranin O/fast green staining (Figure 6a-d) revealed that we 

had both fully mature and immature cartilage samples in our experiments (Toyras et al. 

2003; McCormack and Mansour 1998). They are equally distributed among the 

experimental samples and no correlation with experimental results was found. 

Moreover, in agreement with our former findings (Wilson et al. 2006b), we could not 

detect any signs of indentation-induced effects in the tissue by these stainings. Col2-

3/4M staining was negative in all samples, while enzymatic damage (Col2-3/4Cshort) 
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appeared similar in experiments and in unloaded control groups (Figure 6e-h). A 

severely compressed cartilage sample was used as positive control (Figure 6i). 

 

Figure 6 Typical histological sections from two samples per staining: a,b 

picrosirius red, c,d safranin O/fast green, e,f Col2-3/4M, g,h Col2-3/4Cshort, i Col2-3/4M 

positive control. Left from 6 N experiments, right from 15 N experiments. 



CHAPTER 3 

42 

 

3.4 Discussion 

For the axial loading with a spherical indenter that we applied in this study, we 

identified that a threshold loading exists below which cartilage softening does not occur. 

Samples loaded by 6 N peak loads did not show softening, while a loading of 15 N 

induced immediate softening in all samples, which on average increased during the two 

subsequent loading cycles after which it remained constant (Figure 2, Figure 3). 

Interestingly, histological and immunohistochemical analyses using the Col2-3/4m probe 

did not show collagen damage in the samples that were softened as a consequence of 

the 10 repeated 15 N peak loads. Yet, it was shown before that this probe is very 

sensitive and can pick up very early damage in the collagen network, both as a 

consequence of high tensile strains and high shear strains (Wilson et al. 2006b). 

Therefore, we conclude that tissue softening is likely the earliest change in mechanically 

challenged cartilage, and that most likely, this softening is not the consequence of 

collagen damage. 

In the present study we aimed to identify threshold loading levels at which 

softening starts. When 6 N or 3 N indentation loads were applied, no softening was 

apparent in the tissue. This indicates that these loads do not damage the material, and 

also confirms that the loading protocol used to assess the material properties did not 

influence the results of the test. At 15 N indentation loading, softening was apparent in 

most samples, without any other sign of damage. To compare this to other findings in 

the literature we estimate the applied stresses with our round indenter as follows. With 

15 N loading, the maximum indentation depth is around 0.3 mm. This translates into a 

sample contact area of 1.6 mm2, and 9.4 MPa average applied stress on the tissue. 

Because of the round indenter shape, applied stress exceeds 9.4 MPa at the center of 

the indenter, and declines towards its periphery. In comparison, for normal human 

activities such as walking and stairs up/down climbing, Morrison (1970a,b) measured 

patella-femoral and tibial-femoral contact stresses in the range of 3.2-5.3 MPa and 1.3-

7.4 MPa, respectively. Physiological cartilage stress levels in the patello-femoral joint 

were also reported to vary between 1.28 and 12.6 MPa (Matthews et al. 1977), while 

Smidt measured patello-femoral contact stresses in the range of 1.9-4.8 MPa (Smidt 

1973). In vitro mechanical testing of the tibio-femoral joint in neutral position resulted in 

contact stresses in the range of 0-14 MPa (Riegger-Krugh et al. 1998; Ihn et al. 1993; 

Fukubayashi and Kurosawa 1980; Brown and shaw 1984; McKellop et al. 1991; 
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Thambyah et al. 2005), at which levels no damage was apparent in the tissue. In 

contrary, visible cartilage damage was induced in vitro by applying impact loads of 11 to 

36 MPa (Torzilli et al. 1999; Repo and Finlay 1977; Burgin and Aspden 2007; 

Flachsmann et al. 2005; Jeffrey and Aspden 2006; Kim et al. 2012). These data concur 

with our result that early softening without visible damage occurred when we applied 

around 9.4 MPa stress to the cartilage, as this stress level exceeds physiological stress 

levels, and is below the stress level at which visible damage was found to occur. 

The present loading protocol best resembles a former study, where collagen 

damage was observed to occur after 5 indents using 25 N loads (Wilson et al. 2006b). 

The present study applied maximum loads of 15 N, as a result of which no collagen 

damage was observed, but tissue softening was apparent. Because of differences in 

setups it is difficult to make a direct comparison with indentation studies in which 

softening was not allowed to occur. From the data published in literature (DiSilvestro 

and Suh 2001; Wilson et al. 2004; Wilson et al. 2005b), and accounting for the effect of 

the flat bottom of their indenter compared to our round surface, we derive that the non-

damaging indentations that they used should be compared to loads in the order of 5-10 

N in our setup. This matches our finding that samples remained unchanged when they 

received 6 N loading, but did soften when 15 N indents were applied. Interestingly, 

tissue softening of early osteoarthritic articular cartilage was found to be in the order of 

20% to 80% (Mankin et al. 2000; Bonassar et al. 1997; Nieminen et al. 2000; Toyras et 

al. 1999; Wayne et al. 2003; Laasanen et al. 2003; Toyras et al. 2003). This concurs 

with the softening that was induced using 15 N loading with our indenter, which was 

around 40% (Figure 4b). 

Some aspects of the study design and results require further analysis. First, we 

used a round indenter with a radius of 1 mm to induce cartilage softening. With the 

same indenter at slightly higher forces, collagen damage was found to occur. Obviously, 

the in vivo shape of opposing cartilage surfaces is different from that of the indenter 

used in this study. We used an indenter as a model system to induce high strains, 

locally in the tissue, and to explore whether this would lead to softening, collagen 

damage or both. Although the strain distribution will be different for different shapes and 

properties of the indenter, similar phenomena will occur. It is likely that our finding that 

tissue softening occurs before collagen damage becomes apparent also holds in vivo. 

Second, the cartilage samples that we included in our study are obtained from young 

bovines. Histology showed that some samples did not even reach full maturation (Figure 
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6). We evaluated a possible relationship between tissue maturation and tissue 

softening, but we did not observe any trends and therefore pooled mature and immature 

samples. The reason that tissue maturation does not affect our results may be 

explained by the fact that cartilage maturation starts close to the surface, and ends 

halfway the depth of the cartilage (van Turnhout et al. 2011). Using a relatively small 

indenter, the highest strains are induced close to the surface, and also collagen damage 

was found to occur close to the surface (Wilson et al. 2006b). At this location, all 

tissues, including the immature samples, showed normal proteoglycan-rich tissue 

covered with a collagen-rich superficial zone (Figure 6).  

The difference between the groups that received 6 N and 15 N indicated that the 

threshold value to initiate softening in our setup is somewhere in between, with some 

more variability within these groups than in the 3 N group, likely indicating variability in 

durability between samples. For some samples, the threshold for softening may be 

close to 6 N than to 15 N, and vice versa. The same effect is apparent in the group that 

received increasing levels of loading, which showed the most variable response. Some 

samples already softened after the first cycles, while other samples only start to become 

damaged at higher loads. We may speculate that this variability between samples is the 

results of loading history of the tissue in vivo, possibly reflected by individual tissue 

composition or sample thickness. Although such sample-specific variation may exist, we 

did not observe differences in proteoglycan or collagen contents between groups 

(Figure 5). A statistically significant difference in water fraction exists, the absolute 

difference is only small and could be considered biologically not meaningful. Also, the 

group that differs from the other groups is the one that received increasing load levels 

with time. This group is the least important for the conclusions drawn in this study. 

Therefore, we consider the observed difference in water fraction unimportant for the 

interpretation of the results. 

Based on our results and previous studies, we postulate that the development of 

mechanically induced cartilage damage occurs in three steps, which all have a certain 

threshold level. Above the lowest threshold level, cartilage softening is induced but 

without visible structural damage. Above a second threshold level, collagen damage is 

visible at the site of loading. Above the third threshold, macroscopically visible damage 

occurs. These thresholds are sample specific; with our indenter and loading regime, the 

first threshold was between 6 and 15 N for most samples, and above 15 N for some. 

The second threshold is between 15 and 25 N for thin samples and above 25 N for 
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thicker samples (Wilson et al. 2006b). However, the exact forces at which damage 

occurs may depend on other parameters such as strain rate, as was shown for 

macroscopic damage (Turley et al. 2011; Nishimuta and Levenston 2012). 

It remains speculative which effect caused the softening that we observed. The 

damage did not affect any parameter directly related to fluid flow, because peak loading 

did not change the time-constant, and the damage not only affected the peak stress, but 

also the equilibrium stress level during which fluid flow is absent. Therefore, we propose 

that the observed decrease in reaction force originates from changes in either the 

fibrillar or the non-fibrillar components of the tissue, or both. We cannot exclude that the 

observed softening phenomenon may be due to the intrinsic viscoelastcity of the 

collagen-proteoglycan matrix. However, long-term viscoelastic effects did not appear in 

controls and in 3 N and 6 N experiments and the time constants in higher loading 

experiments were not affected. Therefore, we consider it more likely that the cause of 

the observed changes is due to the actual changes (damage) in the tissue. Damage to 

the non-fibrillar PG network is less likely, because PG’s are expected to be more 

resilient than collagen fibers. Therefore, we anticipate that they would not be damaged 

before collagen fibers are. Also, we do not expect that our peak loadings induce a loss 

of PG’s from the tissue. The peak loads were applied for a short period of time, during 

which significant flow of fluid or transport of (macro)molecules is not expected. Smaller 

breakdown products of PG’s may have been transported out of the tissue as a 

consequence of the sustained, 10% loading step, during which equilibrium fluid flow is 

reached, but in that case also the baseline control experiment would have been 

affected, which is not the case. Furthermore, no PG staining changes were visible in the 

histology sections. The remaining explanation is that the collagen network was 

damaged, yet that we were unable to capture this damage with the Col2-3/4M staining. 

However, this method has proven very sensitive in the past, and also to stain collagen 

that was damaged by both excessive tensile and shear loading (Wilson et al. 2006b). 

Yet, we cannot exclude that a loss of crosslinking or entanglement could have occurred, 

which may have led to a rearrangement of the collagen network. To explore such effects 

is part of our future work. 

 Based on the presence of significant tissue softening and the absence of a 

positive staining for collagen fiber damage, we conclude that softening of cartilage 

tissue becomes apparent even before collagen damage can be observed. This 

invalidates our hypothesis that collagen damage is necessary to cause the earliest 
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tissue softening that occurs in mechanically challenged cartilage. Based on these 

results and on prior work, we consider cartilage softening the earliest sign of changes in 

the cartilage after excessive loading, which is followed by collagen damage and visible 

macroscopic damage when higher loads are applied. Because it is possible to monitor 

softening in a fast, economical and non-invasive manner, this opens possibilities to very 

sensitive studies towards understanding the earliest onset of OA. 
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Chapter 4 
 

How Preconditioning Affects the Measurement of Poro-
viscoelastic Mechanical Properties in Biological Tissues 
 

Abstract 

It is known that initial loading curves of soft biological tissues are substantially different 

from subsequent loadings. The later loading curves are generally used for assessing the 

mechanical properties of a tissue, and the first loading cycles, referred to as preconditioning, are 

omitted. However, slow viscoelastic phenomena related to fluid flow or collagen viscoelasticity are 

initiated during these first preconditioning loading cycles and may persist during the actual data 

collection. When these data are subsequently used for fitting of material properties, the viscoelastic 

phenomena that occurred during the initial cycles are not accounted for. The aim of the present 

chapter is to explore whether the above phenomena are significant for articular cartilage, by 

evaluating the effect of such time-dependent phenomena by means of computational modeling. 

Results show that under indentation, collagen viscoelasticity dominates the time-dependent 

behavior. Under UC, fluid-dependent effects are more important. Interestingly, viscoelastic and 

poroelastic effects may act in opposite directions and may cancel each other out in a stress-strain 

curve. Therefore, equilibrium may be apparent in a stress-strain relationship, even though internally 

the tissue is not in equilibrium. Also, the time-dependent effects of viscoelasticity and poroelasticity 

may reinforce each other, resulting in a sustained effect that lasts longer than suggested by their 

individual effects. Finally, the results illustrate that data collected from a mechanical test may 

depend on the preconditioning protocol. In conclusion, preconditioning influences the mechanical 

response of articular cartilage significantly and therefore cannot be neglected when determining the 

mechanical properties. To determine the full viscoelastic and poroelastic properties of articular 

cartilage requires fitting to both preconditioning and post-preconditioned loading cycles. 

 

 

 

This chapter is based on the following publication: 

Hosseini SM, Wilson W, Ito K, van Donkelaar CC (2013) How preconditioning affects 

the measurement of poro-viscoelastic mechanical properties in biological tissues. 

Biomechanics and Modeling in Mechanobiology DOI: 10.1007/s10237-013-0511-2 
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4.1 Introduction 

Analyzing the mechanics of soft biological materials such as articular cartilage 

has proven to be challenging (Woo et al. 1981; Huyghe et al. 1991; Johson et al. 1996; 

Carew et al. 2000; Liu and Yeung 2008). These tissues being inhomogeneous and 

anisotropic with spatially varying microstructures behave non-linearly and time-

dependently (Li et al. 2000; Li et al. 2002; Thambyah et al. 2009; Bevill et al. 2010). In 

cartilage, two distinct mechanisms are responsible for its time-dependent behavior (Mak 

1986a; Mak 1986b; Suh and Bai 1998): (a) the frictional drag force when interstitial fluid 

flows through the porous extracellular matrix (ECM) (i.e. a flow-dependent, poroelastic 

mechanism), and (b) the time-dependent behavior of both the collagen (Viidik et al. 

1968; Haut and Little 1972; Betsch and Baer 1980; Sanjeevi et al. 1982; Haut 1983; 

Wang et al. 1997; Silver et al. 2002; Li and Herzog 2004; Li et al. 2005) and the 

proteoglycans (PG) (Mow et al. 1984a; Mow et al. 1984b; Zhu et al. 1993) that 

constitute the ECM (i.e., a flow-independent, viscoelastic mechanism). The former 

mechanism is most apparent in proteoglycan-rich tissues such as cartilage, because the 

osmotic swelling pressure in these tissues interacts with the water content. 

A simultaneous prediction of stress-relaxation and dynamic loading under both 

compression and tension of articular cartilage can be achieved when taking into account 

flow-dependent, poroelastic and flow-independent, viscoelastic effects, as well as 

tension–compression nonlinearity (Huang et al. 2001; Huang et al. 2003; Li et al. 2008). 

Also, the time-dependent responses during unconfined and confined compression, 

confined swelling and indentation can be captured simultaneously with fibril-reinforced 

poroviscoelastic swelling models (Wilson et al. 2005b). Thus, simulations corroborate 

well to experimental data, after constitutive parameters are fitted to distinct experimental 

datasets (Korhonen and Jurvelin 2010; Saarakkalay et al. 2010; Miller and Morgan 

2010). These datasets have in common that they are determined after few initial loading 

cycles to precondition the tissue and/or the experimental setup. It has long been 

observed that initial loading curves generated by soft biological tissues are substantially 

different from subsequent loadings. The later loading curves are generally reported and 

used for assessing the mechanical properties of a tissue. The first loading cycles, during 

which the tissue’s response slowly changes, are attributed to experimental artifact, 

considered as preconditioning and thus are omitted in further analyses. The number of 

reported preconditioning cycles ranges from one (Haut and Little 1972) to a few (3–5) 
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(Pinto and Patitucci 1980; Carew et al. 1999; Kwan et al. 1993) or more than ten (Woo 

et al. 1981; Sauren et al. 1983; Myers et al. 1991; Lee et al. 1994; Duncan et al. 1997), 

depending on the material being tested (Carew et al. 2004) as well as the strain and 

strain rate applied (Cheng et al. 2009). After these loading cycles the preconditioned 

tissue may reach a reproducible time-dependent stress-strain response, without 

progressive changes in the response to additional loading cycles. This is commonly 

explained by the fact that residual strains that may have been present inside the tissue 

have been equilibrated by the few initial loading cycles. The result is a tissue that is 

mechanically conditioned for consistent and reliable measurements (Haut and Little 

1972; Kwan et al. 1993; Miller and Morgan 2010), which can be used to determine its 

mechanical properties (Fung 1993; Carew et al. 2004; Conza 2005; Li and Yeung 2008; 

Quinn and Winkelstein 2011). For these reasons, preconditioning has become a 

standard protocol when testing biological tissues (Cheng et al. 2009; Eshel and Lanir 

2001). 

Few studies reported changes in the mechanical response of tissues during 

preconditioning. Eshel and Lanir (2001) showed that preconditioning significantly 

reduced both the slope of the stress–strain relationship, and the stress levels during 

consecutive stretch cycles for rat dorsal skin. These effects were significant at all strain 

levels, and increased with strain. After a short unloading period there was significant 

partial recovery. Sverdlik and Lanir (2002) showed that preconditioning manifested in 

sheep digital tendons as stress decay in the cyclic phase and as elongation of the 

tendon’s reference length. These effects intensified with increased strain level and 

subdued as the strain decreased. They explained their observations by the combination 

of the irreversible preconditioning and reversible viscoelasticity. Based on these results, 

it has recently been hypothesized (Lanir and Einat 2012) that preconditioning can be 

represented as a visco-plastic process, while the time-dependent response in a fully 

preconditioned tissue is purely viscoelastic, provided the preconditioning strain is higher 

than the strain during the actual measurements. 

Even though preconditioning a tissue before collecting mechanical test data is 

generally accepted, it may have an effect on the measured mechanical properties. 

Based on the observation that soft tissues may respond differently depending on the 

loading sequence applied, Conza (2005) concluded in a review that ‘tissue adaptation to 

mechanical loading is not unique, making the establishment of a standard 

preconditioning protocol a difficult task. Part of this conclusion may be related to the fact 
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that slow viscoelastic phenomena, for instance related to fluid flow or collagen 

viscoelasticity, are initiated during these first preconditioning loading cycles and may 

persist during the actual collection of the data. When these experimental data are 

subsequently used for fitting of material properties, the viscoelastic phenomena that 

occurred during the initial cycles are not accounted for. Consequently, the 

preconditioning protocol may influence the time-dependent mechanical properties that 

would be determined by fitting using a computational model. 

The present study addresses this potential problem by evaluating the effect of 

particular preconditioning protocols on the stress-strain relationships of articular 

cartilage under various loading regimes. Therefore, a composition-based fibril-

reinforced, poroviscoelastic swelling model for articular cartilage mechanics was 

adopted (Wilson et al. 2006a), as a typical example of a model for which previously 

time-dependent material parameters were fitted to experimental data. Using this model, 

the stress-relaxation responses of cylindrical articular cartilage plugs that are subjected 

to cyclic loading in indentation or unconfined compression are evaluated. Typical 

aspects of these responses are then compared with effects seen during preconditioning. 

The computational approach allows separating the effects of viscoelastic and 

poroelastic origin, and their interaction. These are evaluated to provide more insight into 

the effects of preconditioning. 

4.2 Materials and methods 

4.2.1 Finite element model 

In the validated fibril-reinforced poroviscoelastic swelling model (Wilson et al. 

2006a), articular cartilage is 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-Hookean model is used. The swelling behavior is implemented 

as osmotic swelling. The total stress in this model is calculated as (Eq. 1): 

                   

     (1) 

where ns,0 is the initial solid volume fraction, σnf is the Cauchy stress in the non-fibrillar 

matrix, σi
f is the fibril Cauchy stress in the ith fibril with respect to the global coordinate 
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system, ρi
c is the volume fraction of the collagen fibrils in the ith direction with respect to 

the total volume of the solid matrix and Δπ is the osmotic pressure gradient (Wilson et 

al. 2006a). In this model, fibrils are assumed to behave viscoelastic. Therefore, they are 

further introduced below. For details on the implementation of the elastic non-fibrillar 

stress and osmotic pressure gradient, the reader is referred to earlier work (Wilson et al. 

2006a). 
The fibrillar part consisted of large primary fibril directions and smaller secondary 

fibril directions. Bundles of primary fibril directions extended perpendicular from the 

subchondral bone, splitting close to the articular surface into fibrils curving to a 

horizontal orientation, flush with the articular surface (Figure 1). The network of 

secondary fibril directions represents a quasi-isotropic network. 

 
Figure 1 Orientation of the primary fibril directions as a function of depth. Left: 

Schematic of the arcade model. Right Orientation of primary collagen fibril directions as 

implemented in the finite element model. 

 
In (Wilson et al. 2006a), both types of collagen fibrils were assumed to be 

viscoelastic, and the fibril Cauchy stress tensor is given by: 

                                                                                
(2)

 
where λ is the elongation of the fibril, Pf is the first Piola-Kirchhoff stress, and ef is the 

current fibril direction. Note that this total Cauchy stress of the fibrils is expressed as a 
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function of the deformed surface that a fibril works on. In (Wilson et al. 2006a) the 

viscoelastic behavior of the collagen fibrils was represented by the two-parameter 

exponential stress-strain relationship springs S1, parallel to spring S2 in series with a 

linear dashpot with dashpot constant η (Figure 2). Stresses in springs S1 and S2 are 

calculated with Eq. 3 and 4 respectively. Note that the stresses in the dashpot and 

spring S2 in Figure 2 are identical. Also, fibers only withstand tension loads (positive 

strains). 

0)1( 1
11 f

k foreEP f                                                (3) 

0)1(
.

22
2

ev
k foreEP e                                              (4) 

where E1, E2, k1 and k2 are positive material constants, Ԑf is the total fibril strain, Ԑe is 

the strain in spring S2 and Ԑv is the dashpot strain. Since the strains in the upper and 

lower part of the spring system in Figure 2 are the same, the total fibril stress Pf is the 

summation of P1 and P2 (Wilson et al. 2006a). 

 

Figure 2 Schematic model for a viscoelastic collagen fibril (Ԑf is the total fibril 

strain, Ԑv the dashpot strain and Ԑe the strain in spring S2) (adopted from Wilson et al. 

(2006a)). 

 
By assuming the depth- and strain- dependent permeability, and also accounting 

for the fact that only the extra-fibrillar fluid can flow out of the tissue, permeability has 

been calculated by Eq. 5 (Wilson et al. 2006a). 

M
exfnk )1(                                                                                            (5)  

where k is the permeability, α and M are positive material constants and nexf current 

extra-fibrillar fluid fraction. 
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The values of the model parameters, obtained by fitting to the data of up to 20% 

compression of cartilage samples (15 different fresh frozen bovine patellae taken from 

1-2 year old animals (DiSilvestro and Suh 2001) are as follows (Wilson et al. 2006a): E1 

= 4.316 MPa, E2 = 19.97 MPa, k1 = 16.85, k2 = 41.49, η = 1.424 × 105 MPa s, α = 1.767 

× 10-16 m4/N s and M = 1.339. The model was implemented in ABAQUS 6.10 (Abaqus 

Inc., Providence, RI). For more details about this model and the parameters used see 

(Wilson et al. 2006a). 

The cartilage plugs were modeled as axisymmetric with a radius and thickness of 

1 mm. In order to apply load, two different rigid nonporous indenters have been used, 

one round indenter (IND) with a 0.4 mm radius and the other one, a plate (unconfined 

compression-UC) placed on the cartilage surface (Figure 3). Each model consisted of 

850 axisymmetric pore pressure elements (CAX4P) (In order to make sure that the 

results are independent of the mesh size, mesh dependency up to 4 times finer has 

been checked.). 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 

the top of the model, where the cartilage is not in contact with the indenter, and at the 

radial edge of the model, zero pore pressure was prescribed, i.e. fluid could flow in and 

out freely. 

 

 

Figure 3 Meshed used for indentation loading: Left unconfined compression 

(UC), Right Indentation (IND). 
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4.2.2 Loading protocol 

In the first step, the tissue was allowed to swell for 30000 s (more than 8 hours) 

in 0.15 M saline solution. This was to allow the swelling pressure within the tissue to 

equilibrate against residual tension of the tissue fibers. Since the indenter is free, it 

moves upwards following the swelling of the tissue. Afterwards the tissue undergoes 5% 

compression, which is sustained for another 30000 s to ensure complete equilibrium. 

From this point, a series of strain-relaxation-unstrain between 5% and 10% has been 

applied to the tissue having 5 relaxation steps of 10% compression level (5 cycles). The 

time period during which both the 5% and 10% compression are held constant is 

referred to as recovery time, which is variable between simulations. All the loading-

unloading steps happen with 0.001 s-1 strain rate. Figure 4 shows the trajectory of the 

indenter applying load on the tissue. 

 

 

Figure 4: Indenter displacement when applying load over the tissue for a 

recovery time of 10800 s. 

 

4.2.3 Simulations 

For ten different recovery times (Table 1), three simulation series of two loading 

devices (indentation (IND) and unconfined compression (UC), (Figure 3)) were 

performed (i.e. 60 simulations in total). In the first series of simulations, only the effect of 
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flow-independent viscoelasticity of the matrix was studied. For that purpose, fluid flow 

was excluded by enforcing zero pore pressure for the whole tissue, i.e. by allowing fluid 

to flow infinitely fast without resistance. In the second series of simulations, only the 

effect of flow-dependent poroelasticity was studied. To that purpose, the collagen fibrils 

were assumed purely elastic by setting η equal to zero (Figure 2). In the third series of 

simulations, both flow-dependent and fluid-independent viscoelasticity were kept active 

in the simulations.  

 

Table 1 Recovery times (s). 

60 80 120 240 360 600 1800 3600 7200 10800 

      

A final set of 10 simulations was performed to illustrate the effect of 

preconditioning on the result of a single relaxation experiment. Therefore, a sustained 

relaxation experiment with 10% compression was simulated, after the tissue was 

preconditioned with 9 loading cycles with different recovery times (Table 1). 

4.2.4 Data analysis 

To represent the typical measurements during an experiment, the reaction force 

of the tissue was monitored during the indentation or unconfined compression loading 

over time. From these data, the five peak force values were determined immediately at 

the beginning of each of the five 10% loading steps. Finally, the effect of preconditioning 

was quantified as the normalized difference in values of the peak force between 

subsequent compressive loading steps i (Eq. 6). 

5)-1=(i ,
Peak

PeakPeak=difference forcepeak  Normalized
i

i1+i (6) 

4.3 Results 

Because a larger area of the tissue is compressed during UC than during IND, 

the total reaction force was higher in UC (Figure 5).  
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Figure 5 Resulting reaction force during two complete simulations of one IND 

and one UC loading protocol with 10800 s recovery time between each change in 

applied load. Both poroelasticity and collagen viscoelasticity are included. 

   

Regardless of whether flow-independent viscoelastic, flow-dependent 

poroelastic, or the combination of both conditions was included in the simulations, the 

equilibrium value reached the same reaction force during sustained compression 

(Figure 6). However, as expected the magnitude of the peak and the relaxation curve 

after the peak depended on the viscoelastic behavior of the tissue (Figure 6). 

 

Figure 6 The relaxation curves of 10800 s recovery time of UC simulations of the 

first 10% compression step. Solid line: flow-independent viscoelastic matrix, Solid line 

with dots: flow-dependent poroelastic tissue, Dashed line: both are included. This figure 

shows only 1500 s of the 10800 s relaxation curves, until curves reach equilibrium. 
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Depending on the experimental conditions, the curves in Figure 6 were different 

for subsequent loading cycles. These differences were most apparent for the peak 

reaction force in experiments with short recovery times. The absolute value of these 

peaks might increase or decrease with subsequent loading cycles, depending on the 

type of loading (IND vs. UC) and the properties of the matrix (flow-dependent 

poroelastic tissue vs. flow-independent viscoelastic matrix) (Figure 7). 

 

 

Figure 7 Illustration of the differences in response, depending on the applied 

loading condition and on the type of time-dependency that is included. The curves show 

the peak reaction forces in subsequent 10% compression cycles. Left UC with flow-

dependent poroelastic tissue, Right IND with flow-independent viscoelastic matrix. 

(Data points are connected by lines only for more clarity.) 

 

The normalized difference between the peak values of the first and second 

loading cycle (Eq. 6, with i = 1) are plotted against the recovery time used in the 

simulations (Table 1) (Figure 8). This evaluation showed several phenomena. First, in 

simulations in which only matrix viscoelasticity was taken into account, the first peak 

was always smaller in absolute value than the second one, while this was opposite in 

the case where the matrix was elastic, but the tissue was poroelastic. Second, flow-

dependent poroelastic effects were more dominant under UC loading compared to IND, 

while the opposite was true for matrix viscoelasticity, which was more effective under 

IND. Third, with the current parameter values, effects induced by fluid-independent 

matrix viscoelasticity seem to be effective over a wider range of recovery times than 
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fluid-dependent effects. Finally, in simulations where both fluid-dependent and fluid-

independent effects were included, which is the physiological condition, it might take 

even longer for the peaks to reach equilibrium compared to when either one of them 

was present alone. Also, depending on recovery time allowed, subsequent peak values 

might either increase or decrease (positive or negative values in Figure 8). 

 

      

Figure 8 Plot of the normalized difference between the first and second peak 

values ((Peak2-Peak1)/Peak1) as a function of the recovery time allowed between 

loading cycles, Left UC, Right IND. NB: the dots are the results of actual simulations. 

These are interconnected for clarity of the figure, but care should be taken during 

interpretation of this extrapolation. 

 

Subsequently, we evaluated whether this difference between the first and second 

peak-values (Figure 8) would reduce between subsequent cycles, as this is what is 

normally observed during tissue preconditioning. Indeed, the normalized difference 

between subsequent peaks reduced (Figure 9). Very small variations between peak 

values at longer recovery times were apparent for the simulations with matrix 

viscoelasticity. 
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Figure 9 Normalized difference between subsequent peak values for cycles (i = 

1-5) as a function of the recovery time allowed between loading cycles ((Peaki+1-

Peaki)/Peaki). The zoomed region shows the first 600 s of the graph.  

 

A sustained relaxation test gave different peak forces and relaxation times, 

depending on the duration of the 9 preconditioning cycles that were applied. Regardless 

of the preconditioning protocol, the equilibrium values were identical in all simulations 

(Figure 10-Left). During these 10 preconditioning cycles, the absolute value of the peak 

force either decreased (recovery times ≤ 120 s) or increased (recovery times ≥ 240 s) 

with cycle number, until they all equilibrated after 2 to 9 cycles (Figure 10-Right). 
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Figure 10 Left The first 600 seconds of sustained UC relaxation tests after 10 

preconditioning cycles with various relaxation times per cycle. Right The peak reaction 

force values change during preconditioning. With short recovery times in the 

preconditioning cycles, the absolute value of the reaction force decreases, while it 

increases with longer relaxation times and becomes consistent with recovery times in 

the order of hours. (Right Data points are connected by lines only for more clarity.) 

 

Moreover, to illustrate that internal processes may not be equilibrated even 

though the reaction force on the indenter is in equilibrium, the reaction force, the 

maximal principal strain in the non-fibrillar matrix, the strain in one of the primary fibers, 

and the strain in one of the secondary fibers with an oblique direction are evaluated for 

an integration point in the top surface of the cartilage, close to the edge of the indenter 

(Figure 11). The reaction force equilibrates after approximately 1500 s, while the other 

parameters continue to change over the entire 10800 s of indentation. 
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Figure 11 The reaction force on the indenter, and the maximal principal strain, 

primary and secondary fiber strain in an integration point of an element under the edge 

of the indenter. The curves are derived during the fifth indentation of a simulation with 

10800 s recovery time in between indentation periods, when both poroelasticity and 

collagen fiber viscoelasticity are present. 

4.4 Discussion 

The objective of this study was to explore the importance of time-dependent 

effects of fluid flow and of solid matrix viscoelasticity on the stress-relaxation response 

of cartilage, when the tissue was preconditioned prior to performing the actual 

measurements. The hypothesis was that these two time-dependent phenomena 

together change the mechanical response of the tissue during the first cycles, and that 

this effect occurs during the first preconditioning cycles in a mechanical test. Thus, by 

omitting the preconditioning cycles, the significance of the viscoelastic response of the 

tissue would be lost as a result of the preconditioning. This would be particularly 

important when such experimental data were used for fitting viscoelastic material 

parameters using computational models. 

Indeed, simulations with a fibril-reinforced poroviscoelastic swelling model 

showed results that corresponded to typical preconditioning effects. First, peak-reaction 

forces between successive loading steps were not identical, and differences between 

subsequent peaks decreased with the number of loading cycles applied (Figure 7). 

Second, these differences decreased when more recovery time was allowed between 
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subsequent loading steps (Figure 7, Figure 8). The number of preconditioning cycles to 

reach equilibrium depended on the loading protocol, used. This is in agreement with 

experiments, in which the number of required preconditioning cycles varies from one to 

several (Haut and Little 1972; Carew et al. 1999; Kwan et al 1993; Pinto and Patitucci 

1980; Duncan et al. 1997; Lee et al. 1994; Myers et al. 1991; Sauren et al. 1983; Woo et 

al. 1981) depending on the material and the strain and strain rate (Carew et al. 2004; 

Cheng et al. 2009). Third, the effects of the first loading cycle remained present for a 

long time (more than two hours), as apparent from internal conditions in the tissue 

(stress-strain (Figure 11) and pore pressure distribution in the tissue (data not shown)), 

even though after few loading cycles the reaction force appeared to stabilize. When only 

fluid-dependent poroelasticity or only collagen viscoelasticity was accounted for, steady 

state was reached faster than when both effects interacted (Figure 8). Finally, the exact 

effect of interaction between collagen viscoelasticity and poroelastic matrix, the total 

time dependent behavior, is very complex and therefore not well predictable (Figure 8). 

This had two main reasons. First, collagen viscoelasticity and fluid-dependent effects 

had opposite effects on the change in reaction force during subsequent loading cycles. 

Second, it was shown that the relative importance of flow-dependent and flow-

independent phenomena depends on the loading protocol, i.e. under indentation the 

collagen viscoelastic effects are more important than under unconfined compression. 

The opposite is true for flow-dependent poroelastic effects (Figure 8, Figure 9). In 

conclusion, the above effects make the total tissue response during an experiment 

difficult to interpret and may mask that a tissue is not in equilibrium, even though the 

reaction force appears constant.  

The time-dependent response of a tissue to mechanical loading is very complex, 

because of the interaction between two separate non-linear and time-dependent effects: 

one related to collagen matrix viscoelasticity and one to flow-dependent poroelasticity. 

Fundamentally, if one of them is not in equilibrium, then by definition the other one is not 

in equilibrium as well. In addition, the viscoelastic collagen network is strongly 

anisotropic in nature. Hence, the viscoelastic behavior also has directionality. This 

combination of two viscoelastic effects, one of which has an orientation, makes the total 

tissue response over time complex and difficult to predict without the use of 

computational models such as the one used in the present study. Yet, regardless of the 

time interval during the preconditioning protocol, similar to an ordinary time-dependent 

material, a repeatable stress-strain response can be obtained after some repeated 
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loading cycles (Figure 10b). At that time, the tissue has changed from one stress state 

to another. Consequently, the stress relaxation response for the same tissue is different, 

depending on the preconditioning protocol (Figure 10a).  

The above effects were evaluated in articular cartilage, because in this tissue 

both viscoelastic and poroelastic phenomena are known to play an important role 

(Haung et al. 2001; Haung et al. 2003; Li et al. 2008). This allowed using a fibril-

reinforced poroviscoelastic swelling model that was developed and validated for 

articular cartilage in the past (Wilson et al. 2004; Wilson et al. 2005b; Wilson et al. 

2006a; Wilson et al. 2007). For this particular model, all relevant time-dependent 

material parameters, including those for collagen viscoelasticity and flow-dependent 

effects have already been determined (Wilson et al. 2006a). Finally, both unconfined 

compression and indentation experiments have been evaluated, because based on our 

expertise, these two loading cases have been anticipated to induce distinct fluid flows 

and collagen strain patterns.  

All flow-independent viscoelastic behavior was accounted for by the collagen 

network, while proteoglycans were assumed elastic (neo-Hookean) (Wilson et al. 

2006a) even though they were known to behave viscoelastic (Mow et al. 1984a; Mow et 

al. 1984b; Zhu et al. 1993). This choice has not led to an underestimation of the effect of 

matrix viscoelasticity, as the material parameters for collagen and proteoglycans were 

fitted together to experimental data. Consequently, the contribution of proteoglycan 

viscoelasticity was accounted for by the collagen. If both solid matrix components would 

have been considered viscoelastic, this would have added another time-dependent 

characteristic to the model, which would have resulted in even more complex material 

behavior. In principle, proteoglycan viscoelasticity would have had the same effect as 

collagen viscoelasticity, yet with different characteristic time constant. 

Flow-dependent poroelastic effects and flow-independent collagen viscoelastic 

effects had an opposite effect on the peaks in successive loading steps (negative vs. 

positive points in Figure 8 and Figure 9). The reason was that when the viscoelastic 

fibrils were not given enough recovery time after straining, they remained stressed and 

therefore the tissue acted stiffer in the next loading cycle (Haung et al. 2001; Haung et 

al. 2003; Li et al. 2008). When water was expressed during deformation and the 

recovery time was insufficient for the water to flow back in, then the hydrostatic pressure 

was lower in the next loading cycle and therefore the tissue appeared softer. Both 

effects were consistent under both indentation and unconfined compression. However, 
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because during indentation fibers were strained more, the effect of flow-independent 

viscoelasticity was more pronounced. Unconfined compression induced more fluid flow, 

resulting in a response dominated by tissue poroelasticity. Hence, which of the flow-

dependent or flow-independent phenomenon dominated, depended on the exact 

loading applied. Therefore it was impossible to identify a consistent required recovery 

time for mechanical testing of cartilage tissue in general. Typical recovery times for 

equilibrating flow-independent and flow-dependent effects were in the order of 5400 s 

and 1800 s for 10% unconfined compression and 6300 s and 600 s for 10% indentation. 

The time to reach equilibrium in the unconfined compression experiment concurs with 

the observations by Huang et al. (2003), who observed that 3000-5000 s relaxation 

periods were required to reach equilibrium in 5% unconfined compression testing. 

Similar to the present study, they concluded that the long duration originated from the 

viscoelastic response of the solid matrix under tension. Obviously, recovery times were 

obtained for 10% compression applied in this study, and changing the load magnitude 

and conditions may change the recovery times. 

 If what is considered preconditioning is the result of this interaction between two 

time-dependent phenomena, then this has important implications to experimental, 

numerical and combined studies addressing the mechanical properties of biological 

tissues. First, it implies that the mechanical properties that are determined 

experimentally after preconditioning are not true mechanical properties, but should be 

considered apparent mechanical properties after a pre-stress is introduced in the tissue. 

Second, if preconditioning effects are in fact time-dependent mechanical effects of the 

tissue, then preconditioning effects can and should be captured by numerical models 

that simulate transient effects of mechanical loading. Third, if output by such models is 

to be compared to experimental data after preconditioning, then these models should go 

through similar preconditioning cycles. For the latter reason, parameter fits to 

experimental data should include the experimental preconditioning loading cycles, in 

other words preconditioning cycles should be run with the numerical model before fits 

are being performed to the preconditioned experimental data. 

After preconditioning in vitro, biological tissue may remain in the preconditioned 

state for a long time and they may not return to the initial state after even considerable 

equilibration. In theoretical models however, the combination of viscoelasticity, 

poroelasticity and poroviscoelasticity would eventually restore the initial state of the 

tissue, albeit this may be a very slow process. Possibly, because of the very long time to 
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full equilibration, experimental observations were not sufficiently long to reach full 

equilibrium prior to the experiments. Alternatively, it is possible that other phenomena 

may be apparent in tissues, which are not part of the presented theoretical model, such 

as residual stresses in the tissue as a consequence of sample harvesting or handling. 

Such effects may be accounted for by sufficient preconditioning of the tissue. 

4.5 Conclusion 

The tissue response to mechanical loading is the result of a complex interaction 

between two time-dependent effects: those that originate from the reinforcing 

viscoelastic collagen network, and those that relate to the poroelastic tissue. During 

repeated loading, collagen viscoelasticity and fluid flow have opposite effects on the 

tissue reaction force and may partly mask each other’s effects. Their relative importance 

depends on the nature of the applied load, and on the exact loading protocol used. 

Importantly, the present study suggests that rather than eliminating residual stresses 

from the tissue during preconditioning, initial loading cycles may introduce residual 

stresses in the viscoelastic collagen network. These additional residual stresses change 

the mechanical state of the tissue, resulting in a repeatable stress-strain response of the 

tissue that is dependent on the employed preconditioning protocol. 
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Chapter 5 
 

A Numerical Model to Study Mechanically Induced 
Initiation and Progression of Damage in Articular 

Cartilage 
 

Abstract 

Proteoglycan loss and surface roughening, early signs of osteoarthritis, are likely preceded 
by softening of the ground substance and the collagen network. Insight in their relative importance 
to progression of osteoarthritis may assist the development of treatment strategies for early 
osteoarthritis. To support interpretation of experimental data, a numerical model is proposed that 
can predict damage progression in cartilage over time, as a consequence of excessive mechanical 
loading. The objective is to assess the interaction between ground substance softening and 
collagen fiber damage using this model. An established cartilage mechanics model is extended 
with the assumption that excessive strains may damage the ground substance or the collagen 
network, resulting in softening of the overstrained constituent. During subsequent loading cycles 
the strain may or may not cross a threshold, resulting in damage to stabilize or to progress. To 
evaluate how softening of the ground substance and collagen may interact, damage progression is 
computed when either one of them, or both together are allowed to occur during stepwise 
increased loading. Softening in the ground substance was predicted to localize in the superficial 
and transitional zone and resulted in cartilage softening. Collagen damage was most prominent in 
the superficial zone, with more diffuse damage penetrating deeper into the tissue, resulting in 
adverse strain gradients. Effects were more pronounced if both constituents developed damage in 
parallel. Ground substance softening and collagen damage have distinct effects on cartilage 
mechanopathology, and damage in either one of them may promote each other. 

 

  

 

 

This chapter is based on the following publication: 

Hosseini SM, Wilson W, Ito K, van Donkelaar CC (2013) A numerical model to study 

mechanically induced initiation and progression of damage in articular cartilage. 

Osteoarthritis and Cartilage DOI: 10.1016/j.joca.2013.10.010  
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5.1 Introduction 

Articular cartilage derives this biomechanical function from the constitution of its 

extracellular matrix (ECM), which consists of a strongly hydrated ground substance, 

mainly consisting of proteoglycans (PGs), reinforced by a tension-resistant fibrillar 

collagen network. The PGs attract water through osmotic pressure, therewith resisting 

compression and straining the collagen. Unfortunately, this load-bearing construction 

may become damaged when cartilage is subjected to excessive mechanical conditions, 

and such damage is likely to progress into osteoarthritis (OA) (Thibault et al. 2002; 

Jeffrey et al. 1997; Jeffrey et al. 1995; Anderson et al. 2011). Early signs of OA include 

PG loss and cartilage surface roughening, which proceeds into fibrillation with cracks 

penetrating deeper into the tissue at later stages (Chen and Broom 1998; Radin et al. 

1978; Pelletier et al. 1983; Guilak et al. 1994; Clark and Simonian 1997). It is apparent 

that these changes reduce tissue stiffness under tension (Akizuki et al. 1986; 

McCormack and Mansour 1998; Kleemann et al. 2005; Guilak et al. 1994), compression 

and shear, and increase permeability (LeRoux and Setton 2002). It has become 

apparent that initial damage may start before PGs are lost and the surface roughens. As 

a consequence of loading with an indenter, collagen damage was detected below the 

cartilage surface, but it did not necessarily become apparent at the surface (Wilson et 

al. 2006b). Similar loading conditions were later associated with cartilage softening 

(Hosseini et al. 2013a). These effects may corroborate with observations of damage to 

the collagen fiber structure at the microscopic scale in early OA tissue (Chen and Broom 

1998; Chen and Broom 1999; Broom et al. 2001). However, softening also occurred 

without detectible collagen damage or loss of PGs from the tissue. Therefore, it was 

proposed that softening may result from damage to the PG-rich ground substance 

(Hosseini et al. 2013a), or from the interaction between proteoglycans and collagen at 

the microscopic scale (Elliot et al. 2000; Thambyah and Broom 2007). 

Because together they determine the mechanical properties of articular cartilage, 

softening or either the ground substance or the collagen network may affect the strains 

experienced by the other. However, the importance of such interaction to the 

progression of cartilage damage is unknown. Various mechanisms can be postulated. 

Softening of the ground substance may reduce the compressive properties of the 

cartilage and this may subsequently put the collagen network at risk of overstraining. 

Alternatively, softening of the collagen network may allow the ground substance to 
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attract more water, resulting in local tissue swelling. This may further weaken the tissue, 

which could result in excessive straining during mechanical loading. Indeed, OA was 

found to develop in animals that were treated with either collagenases or stromelysins 

(Tesch et al. 2004; Eyre 2004), indicating that both PGs and collagen are essential to 

joint homeostasis. Yet, these studies did not reveal the mechanism by which softening 

of the PGs and collagen network may interact, and effects not related to tissue 

mechanics such as inflammation, may have played a role.  

Therefore, the importance of softening in the ground substance, damage to the 

collagen network, and the possible interaction between these two for the progression of 

cartilage damage remains speculative. Yet, such insight may be useful for future 

development of therapies to treat early OA. To explore these effects experimentally is 

challenging. Therefore, a numerical approach is adopted, using a composition-based 

model that includes collagen fiber-reinforcement, ground substance stiffness and tissue 

swelling due to PGs, and constitutes a physiological organization of the collagen 

structure and a depth-dependent collagen and PG density (Wilson et al. 2007; Julkunen 

et al. 2008a). To study progression of cartilage damage with this model requires 

extension, such that softening of the collagen network and of the ground substance may 

progress independently over time as a result of mechanical conditions in the tissue.  

The objective of the present study is to present such damage progression model, 

and to employ it to explore whether and how damage in the PG-rich ground substance 

may advance damage in the collagen network and vice versa. For this purpose, 

simulations are compared in which cartilage is excessively loaded under four 

hypothetical conditions. The first condition is when no damage is allowed to develop in 

the cartilage as a reference. Second, damage is only allowed to develop in the fibrillar 

network. Third, damage only develops in the ground substance. Fourth, damage may 

develop in both the fiber network and the ground substance. 

5.2 Materials and methods 

5.2.1 Cartilage mechanics model 

A composition-based, fiber-reinforced, poroviscoelastic biphasic swelling model 

is adopted (Wilson et al. 2006a; Wilson et al. 2007; Hosseini et al. 2013b), in which 

cartilage is assumed to consist of a porous solid matrix saturated with water. The solid 

consists of a PG-rich ground substance and a fibrillar part representing the collagen 
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network. The ground substance has a particular stiffness and contains fixed negative 

charges associated with the PGs, which induce osmotic swelling. The viscoelastic 

fibrillar network is implemented in 2D as a collection of 2 primary and 4 secondary fiber 

directions per integration point, where the dominating primary fiber directions are 

oriented such that they represent the arcade-like organization. The total stress (σtot) in 

the cartilage is then determined by the combination of hydrostatic, non-fibrillar and 

fibrillar matrix stresses and osmotic pressure (Δπ) (Eq. 1). 

                   

     (1) 

where p is the hydrostatic pressure, I is the unit tensor, ns,0 is the initial solid volume 

fraction, σnf is the Cauchy stress in the non-fibrillar matrix, σif is the fiber Cauchy stress 

in the ith fiber with respect to the global coordinate system, ρc
i is the volume fraction of 

the collagen fibers in the ith direction with respect to the total volume of the solid matrix 

and Δπ is the osmotic pressure gradient. The non-fibrillar and fibrillar stress terms are 

defined per unit area of the non-fibrillar and fibrillar areas respectively. 

 

The non-fibrillar matrix stress can be calculated by the following formula, which 

depends on the amount of deformation, the amount of solid and shear modulus Gm 

(Wilson et al. 2006a; Wilson et al. 2007): 

(2) 

 

where J is the determinant of the deformation tensor F. 

 

The fiber Cauchy stress tensor is as follows: 

                                                      
                                                    (3) 

where λ is the elongation of the fiber, Pf is the first Piola-Kirchhoff stress, and ef is the 

current fiber direction. The total Cauchy stress of the fibers is expressed as a function of 

the deformed surface that a fiber works on. The viscoelastic behavior of the collagen 
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fiber was represented by the two-parameter exponential stress-strain relationship 

springs S1, parallel to a spring S2 in series with a linear dashpot with dashpot constant 

η. Stresses P1 and P2 in springs S1 and S2 are calculated as 

0)1( 1
11 f

k foreEP f                                               

0)1(
.

22
2

ev
k foreEP e                                             (4) 

with E1, E2, k1 and k2 positive material constants, Ԑf the total fiber strain, Ԑe the strain in 

spring S2 and Ԑv the dashpot strain. Fibers are assumed to withstand tension (positive 

strains), but not compression. The total fiber stress Pf is the summation of P1 and P2 

(Wilson et al. 2006a). The values of the model parameters used are (Wilson et al. 

2006a): E1 = 4.316 MPa, E2 = 19.97 MPa, k1 = 16.85, k2 = 41.49, η = 1.424 × 105 MPa 

s, Gm = 0.903 MPa. For formulations of the osmotic pressure and strain dependent 

permeability the reader is referred to Wilson et al. (2006a, 2007). 

5.2.2 Damage model 

The mechanics model is extended with a description of damage. Basically, it is 

assumed that when the deviatoric strain value in the ground substance exceeds a 

particular threshold, this would soften the matrix. For the fiber network, it is assumed 

that when the strain in the direction of the fibers exceeds a threshold, these fibers 

soften. As there may be a distribution of strains in the ground substance or in the 

collagen fibers, softening accumulates over time when during subsequent cycles a 

larger portion of the ground substance or fibers become damaged.  

This theory is implemented using a damage parameter D, which represents the 

relative amount of damaged material and has a value between 0 and 1. The effective 

stress for either the nonfibrillar or the fibrillar matrix then becomes 

                                                                                              (5) 

The damage parameter D can be expressed as a function of a history variable κz, 

which equals the maximal value of the equivalent strain over time. The damage 

evolution law for D in the present study is defined similar for the fibrillar and the 

nonfibrillar matrix as: 

D1
~ σσ



CHAPTER 5  

72 

 

                                              (6) 

where κ0,z is the value of κz at which damage starts, and κc,z is the value of κz at which 

the total tissue is damaged (z = {f, nf} for the fibrillar (f) and nonfibrillar part (nf)).   

 

For the equivalent strain (Ԑeq) in the collagen fibres the strain in the direction of 

the collagen fibers was used: 

                                                                                 (7) 

and for the nonfibrillar matrix the deviatoric strain equals: 

(8) 

where εpi are the principal strains. 

 

In a uniaxial stress situation, and assuming that the equivalent strain equals the 

axial strain, Eq. 6 results in linear softening, followed by complete loss of stiffness at κc,z 

(Figure 1). 

Figure 1 Damage model, showing the damage variable (D) as a function of the 

strain history variable (κ, ranging from κ0 to κc) left and the corresponding softening of 

the constituent, visualized by the stress-strain behavior of the tissue right. 
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Damage thresholds (κ0,z, κc,z) for the fibrillar and nonfibrillar matrix are based on 

data from the literature (Williamson et al. 2003; Haut 1986; Wang 2006; Stammen et al. 

2001). For the fibrillar part, it is assumed that damage start at 8% strain, and that 

damage is complete at 18% strain in the fibre direction (κ0,f = 0.08; κc,f = 0.18). The more 

compliant ground substance is assumed to be damaged at strains above 30%, with 

complete failure at 60% strain magnitude (κ0,nf = 0.30; κc,nf = 0.60). 

It should also be mentioned that though the continuum damage modeling as 

developed above seems mathematically true and physically meaningful, computational 

solutions may fail to converge to a meaningful result as a consequence of refinement of 

the spatial discretization (mesh-dependent results). This is because of the fact that 

when damage occurs in one finite element, due to increase in load, damage in that 

specific element with specific thickness starts to grow and that specific element 

experiences inelastic unloading (softening or post-peak regime) while the neighboring 

elements yet do not reach the criterion for damage initiation so they are unloaded 

elastically to keep the force balance in the whole system. By decreasing the element 

size, damage accumulation only happens in the same region but in the new smaller 

elements. This mesh dependency is not so much due to the numerical implementation, 

but rather due to a shortcoming of the underlying continuum theory, which results in a 

localized damage accumulation (Peerlings et al. 1998; Peerlings 2007). In case 

simulations remain in the stable material regime, then the use of a local model such as 

developed here will be acceptable, otherwise in order to trust the results and making 

sure that they are physically meaningful mesh independency of the results must be 

checked and satisfied.   

5.2.3 Simulations 

A 2D model of articular cartilage (5.5 mm wide, 1 mm high; 1950 pore pressure plane 

strain elements with 4-node bilinear displacement CPE4P) was loaded with a round-end 

impermeable indenter (1 mm diameter) (Figure 2) in ABAQUS 6.10 (Abaqus Inc., 

Providence, RI). The bottom is fixed in all directions to represent cartilage attachment to 

bone. Water is free to leave the tissue from the sides and top of the sample in which 

there is no contact with the indenter. The spatial distribution of PG and collagen, and the 

orientation of collagen are taken from the literature (Wilson et al. 2006a; Wilson et al. 

2007). 
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Figure 2 2D Finite element mesh of the cartilage sample and the indenter. The 

bottom is fixed to simulate attachment to the bone. Arrows indicate free surfaces with 

unrestricted water flow. 

 

First, the tissue was allowed to equilibrate for 8 hours in 0.15 M solution, during 

which the tissue swelled approximately 1%. Subsequently, the indenter compressed the 

tissue in four steps of 10% compression to 10, 20, 30 and 40% of the original tissue 

height at a strain rate of 0.1% s-1. Each loading step was followed by 2 hours of stress-

relaxation. This protocol is simulated for four different conditions. First, a control case in 

which no damage was allowed to develop in the cartilage (No damage). Second, 

damage was only permitted to develop in the fibers (Fiber damage only). Third, damage 

was only permitted to develop in the ground substance (Ground substance damage 

only). Fourth, damage was permitted develop in both the fibers and the ground 

substance (Both fiber and ground substance damage). Fiber damage is computed at 

each location for each fiber in the six directions. For visualization purpose, the total fiber 

network damage per location is represented as the average damage in all fibers and 

weighted for their respective densities (Eq. 9): 

42
)( 432121

C
DDDDDDC

D SSSSPP
NetworkFibrillar                     (9) 

where DP and DS are the damage parameter in each primary and secondary fiber 

direction respectively and C = 3.009, which is the relative density of the primary fiber 

direction with respect to the secondary fiber directions (Wilson et al. 2006a). 

In addition to the simulations described above, the possible effect of localization 

of damage has been studied by comparing simulations with different mesh sizes. More 

specific, the results of the simulation of ‘Both fiber and ground substance damage’ is 

compared with a separate simulation with a double finer mesh size to check the effect of 

mesh dependency. 

 
 

Impermeable Indenter (Φ=2 mm) 

Width 5.5 mm 

Height 1 mm 

Fixed bottom 
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5.3 Results

As the loading increased, damage developed in both the fibrillar network and 

ground substance. The area where damage occurred was different for the two 

components (Figure 3a-d). These locations remained largely the same, regardless of 

whether damage occurred in only one of the components (Figure 3a,b) or in both 

(Figure 3c,d), but if both were allowed to occur, the ground substance damage 

penetrated deeper and fiber network damage was enhanced (Figure 3e). 

 

 

 

Figure 3 Damage distribution in the fibers (a,c) and the ground substance (b,d) 

at the end of the loading protocol when only fiber damage (a), only ground substance 

damage (b), or both are allowed to occur in parallel (c,d). Colors represent the 

magnitude of damage parameter D, which is quantitatively shown in (e) as a function of 

depth from the surface (0 mm) to the bone (1 mm) over an imaginary line centrally 

under the indenter (indicated as a dash line in (a)). 
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To obtain a better insight in the damage development, ground substance and 

fiber matrix damage were evaluated separately and as a function of the depth of 

indentation. Ground substance softening started at the surface and gradually developed 

deeper into the tissue (Figure 4a). Maximal damage remained located at the surface, 

and there was a steep transition from highly damaged areas to deeper undamaged 

regions. Initial superficial damage started already at 10% indentation loading, because 

even at this low external indentation, due to the round shape of the indenter the local 

strains inside the tissue exceeded 30%.  

Damage in the fiber network started in the transition zone, i.e. in the area 

underneath the surface, while the superficial zone remained intact (Figure 4b). When 

the indentation depth reached higher strain levels, damage penetrated into the deeper 

areas of the cartilage, while more intense damage occurred in the superficial zone 

(Figure 4b). 
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Figure 4 The profile of damage at the end of the stress-relaxation period 

following each of the four subsequent loading cycles shows progression of the damage 

over time. The horizontal axis represents an imaginary line centrally under the indenter 

from the surface (0 mm) to the bone (1 mm), similar to Figure 3e. a damage in the 

ground substance, b damage in the collagen fiber network.  

 

The magnitude and location of fiber damage varied with the fiber direction. For 

fibers parallel to the surface, which are part of the pool of secondary fibers, the damage 

was more severe than for perpendicular or oblique fibers (Figure 5). Secondary fibers 

show more intense damage underneath the surface, while primary fibers are damaged 

in the superficial zone after more severe loading (Figure 4). Due to the lower volume 

fraction of the secondary fibers their effect on the total stress might be less than the 

effect of the damage in the primary fibers. The fibers in vertical direction did not damage 
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because they did not undergo tension during the applied loading protocol, while oblique 

fibers did not damage because the strain in their direction did not exceed the threshold 

(κ0,f = 0.08) (data not shown). 

 

Figure 5 Damage in the fibrillar network was dependent on the fiber orientation, 

as shown here for the simulation in which fiber damage was only allowed to occur. a 

damage in one of the primary fibers with an arcade-like orientation. b damage in the 

secondary fiber compartment that has a horizontal orientation. 

 

Compared with undamaged cartilage, the peak force and the equilibrium 

relaxation force decreased when damage developed in the tissue (Figure 6). The 

magnitude of these changes depended on the nature of damage, with ground substance 

softening reducing the stiffness more than fiber damage. 

 

 

Figure 6 Reaction force during the four simulations over time, where strain was 

increased to 10, 20, 30 and 40% after 8, 10, 12 and 14 hours, respectively. A 

magnification is included of the peak values after 40% strain was applied. 

a b

Fibre damage
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Moreover, the local damage in the tissue not only changed the local effective 

stress, but also the distribution of strains inside the tissue, as illustrated by maximum 

principal strain at the end of the 40% indentation (Figure 7). Compared with the strain 

distribution in undamaged tissue (Figure 7a), the distribution of strains was less affected 

by softening of the ground substance (Figure 7c) than by damage in the fibers (Figure 

7b,d). When both damages are present, the effect on strain was most distinctive, with 

sharp transition areas centrally under the surface (Figure 7d). 

 

Figure 7 Maximum principal strain distributions, 2 hours after 40% indentation 

was applied, in case no damage was allowed to develop (a), or damage developed in 

the fibers (b), the ground substance (c) or both (d). 

 

The effect of localization of damage is checked by comparing simulations with 

two mesh densities. The damage distribution for both ground substance damage and 

collagen fiber damage are slightly different between these meshes (Figure 8), although 

the damage pattern remains qualitatively comparable. Similarly, there is a minor effect 

on the reaction force (Figure 9) and peak stress (data not shown) in the relaxation 

experiment. 

 

Max principal strain
a b

c d
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Figure 8 Ground substance damage (Top), the fiber damage (Bottom) at the 

end of 30% compression for original mesh (the mesh used in all other simulations) 

(Left) and double finer mesh (Right). 

 

Figure 9 Reaction force during the 30 % compression for the simulation ‘Both 

fiber and ground substance damage’ for the two different mesh densities. A 

magnification of the peak values is included. 



INTERACTION OF FIBRILLAR AND NONFIBRILLAR PART IN AC DAMAGE 

81 

 

5.4 Discussion 

A damage progression model for articular cartilage is presented, based on an 

established composition-based model for cartilage mechanics. It can independently 

predict the development of softening in the ground substance and damage in the fibrillar 

network over time and as a function of mechanical loading. The model is employed to 

evaluate theoretical effects of ground substance softening and collagen damage on 

tissue softening, and to explore whether damage in the ground substance may advance 

damage in the collagen network and vice versa. Ground substance softening is 

predicted to develop over a larger area than collagen damage under the applied 

indentation loading (Figure 3). Cartilage softening, an important measure for cartilage 

function, is affected earlier and to a greater extent by damage in the ground substance 

than by collagen damage. Softening due to ground substance damage is promoted by 

additional collagen damage (Figure 6). Collagen damage has a more pronounced effect 

on the magnitude and distribution of strains inside the tissue, and this effect is more 

prominent when the ground substance is allowed to soften simultaneously (Figure 7). 

The concentration of high strains and the strain gradients that develop underneath the 

surface in the transitional zone (Figure 7 b,d) seem unfavorable and may be speculated 

to be detrimental to the cartilage in the long term, possibly also via effects on 

chondrocyte viability. Summarized, the simulations suggest that ground substance 

softening is more essential to cartilage softening, while damage to the collagen induces 

an unfavorable strain field in the tissue. Additionally, due to mechanical interaction 

between the ground substance and the collagen fibers, damage to either one of them 

can promote damage in the other. Alternatively formulated, the results suggest that if 

the components are intact, they protect each other from developing damage. 

The above conclusions, however, need to be considered with care. They depend 

on the validity of the model, and the presented model has not yet been validated 

thoroughly against experimental data. It is an extension of a validated composition 

based model for cartilage, which includes reinforcement with a visco-elastic fiber 

network, and biphasic swelling. The biphasic swelling approach was analytically 

validated for swelling values in the physiological range of cartilage (Wilson et al. 2007), 

and material parameters for swelling, nonfibrillar matrix and the fiber network have been 

fitted simultaneously to unconfined and confined compression, indentation and free 

swelling data from the literature (Wilson et al. 2005b; Wilson et al. 2006a). 
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Subsequently, the model has proven to be valuable to understand several aspects of 

cartilage mechanics, enforcing the validity of this approach. However, the damage 

model that is now added has not yet been validated for cartilage. The description using 

a damage parameter and a strain history variable is common in polymer science (Geers 

et al. 1999), and the relationship between these parameters that was employed here 

(Eq. 6) is the simplest version of this approach. Although a more difficult damage law 

may turn out to apply for cartilage in the future, variations are not anticipated to change 

the general conclusions. The most important and critical unknown factors are the four 

values that were chosen as damage thresholds (κ0,f, κc,f, κ0,nf, and κc,nf (Eq. 6 and Figure 

1)). The exact values for these thresholds, which represent damage in a continuum 

including a range of fibers that may experience different strain magnitudes, are 

unknown. The values that are used have been estimated from experiments on articular 

cartilage in which damage was induced by indentation, confined and unconfined loading 

in tension and compression, and under various loading rates (Williamson et al. 2003; 

Haut 1986; Wang 2006; Park et al. 2004; Stammen et al. 2001; Haung et al. 2005; 

Butler et al. 1978; Pins et al. 1997). However, these studies reveal significant variability. 

Earlier studies showed failure strain of collagen-rich superficial zone cartilage in the 

order of 25-40% (Kempson et al. 1973; Roth and Mow 1980) which is in agreement with 

Haung et al. (2005) who neither observed failure in a tensile test of articular cartilage till 

16% strain, nor in confined compression till 50% strain, and with computationally 

predicted failure strains of collagen in the order of 25-30% (Wilson et al. 2006b). These 

data, however, are measured in intact cartilage and not on collagen fibers. Tearing of 

collagen in tendons occurred over 4% stretch and macroscopic failure occurred beyond 

8–10% strain (Wang 2006; Butler et al. 1978). Failure of self-assembled collagen fibers 

that were cross-linked at either zero or 50% stretch failed at 15.59% or 11.65% strain, 

respectively (Pins et al. 1997). 

Taking into account their variability in these experimental studies, we 

implemented collagen damage to start failing at strains of 8%, and assumed complete 

failure would have occurred when strain was 10% more. The ground substance is 

assumed to be more compliant than the reinforcing collagen network, because 

otherwise the collagen would not be effective. Hence, ground substance softening was 

assumed to start at 1.5 times the strain at which collagen was assumed to rupture 

(30%), and to completely fail at double that strain. To evaluate the effect of the chosen 

parameter values for κ0,z and κc,z, a simple parameter variation study was performed. 



INTERACTION OF FIBRILLAR AND NONFIBRILLAR PART IN AC DAMAGE 

83 

 

Although the size of the affected area and the magnitude of damage depend on these 

values, the locations of damage, the patterns of damage progression over time, and the 

nature of the interaction between damage in the ground substance and the collagen 

fibers are insensitive to these parameters. This insensitivity is also illustrated by noting 

that damage initiates earlier and progresses more rapidly in the ground substance than 

in the fibers (Figure 6), even though κ0,nf for the ground substance is three times larger 

than κ0,f for the fibrillar network. 

Although full validation of the damage model has not yet been performed, the 

output may be compared with literature data to evaluate the predictions. Reduction in 

mechanical properties over time with progression of tissue damage (Figure 6) is known 

to occur experimentally and clinically (McCormack and Mansour 1998; Kleemann et al. 

2005; Hosseini et al. 2013a; Temple et al. 2007; Buckwalter et al. 1994; Langelier and 

Buschmann 2003; Kempson et al. 1973; Akizuki et al. 1987). In agreement with the 

present findings (combine Figure 4 and Figure 6), it has been shown that cartilage 

softening after indentation already occurs before collagen damage can be observed 

(Hosseini et al. 2013a). Also, the prediction that compromised ground substance may 

affect the failure mechanics of collagen and vice versa, was previously observed, 

although this involved tensile testing and not compression (Kempson et al. 1973). The 

regions in which damage is predicted to occur are probably the best data for validation. 

The location of predicted ground substance damage matches with experimental and 

clinical observations of PG loss (Wilson et al. 2006b; Lin et al. 2004; Wu et al. 2002; 

Hollander et al. 1995; Lorenz and Richter 2006). Loss of saffranin-O staining starts at 

the articular surface (Lin et al. 2004) and this area increases with increased loading, 

while a sharp transition remains between the PG-rich and the PG-poor tissue (Lin et al. 

2004). This concurs with the predictions (Figure 3b,d,e and Figure 4). It should be noted 

that PG loss was not incorporated as such in the model, because ground substance 

weakening was assumed to occur, but the fixed charge density remained constant. 

However, it makes sense that damaging of the ground substance precedes the loss of 

PGs. The rationale is that excessive straining may fracture the PGs into smaller 

fragments, which would subsequently be able to diffuse out of the tissue into the 

synovial fluid. However, this takes time, which may explain why no loss of PGs was 

seen immediately after damage was induced by indentation (Hosseini et al. 2013b).  

Collagen damage also increases with tissue loading. Intense staining for 

collagen damage is found selectively in the superficial zone of human OA cartilage, 
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while more diffuse collagen damage penetrates deeper into the tissue over a larger area 

(Lin et al. 2004). It has been shown that the deeper and diffuse collagen damage may 

precede the more intense damage in the superficial zone when excessive indentation is 

applied (Wilson et al. 2006b). Also, collagen already exhibits impaired load bearing 

properties already in very early OA tissue (Thambyah et al. 2012). All these data 

suggest that the collagen network may be mechanically compromised in the transitional 

or deeper zone before visible damage such as fissures become apparent at the surface. 

This is in agreement with the present predictions. Finally, the peculiar triangular pattern 

of strains and the sharp transition between high and low strained areas in the tissue 

corresponds with recent publications on internal collagen structure in severely loaded 

articular cartilage as observed with DIC (Bevill et al. 2010). Even though the loading 

protocol that was used in the latter study was different (single vs. double indenter) it 

may be speculated that the strains penetrated similarly into the tissue. In a previous 

numerical study using the same composition based model employed here (Hosseini et 

al. 2013b), yet without damage, the global strain patterns of the experiments by Bevill et 

al. (2010) were corroborated. However, the sharp transitions were not seen in the 

model, which may now be speculated to be caused by initial tissue damage in the 

experiments (Bevill et al. 2010), which was not included in former simulations (Hosseini 

et al. 2013b). 

To the best of our knowledge, it is for the first time that a damage model has 

been used for a fibril reinforced poroviscoelastic model of articular cartilage. It was 

employed to study the damage initiation and progression in each component of cartilage 

as well as the interaction between them for promoting damage. The relatively simple 

linear softening damage evolution law has the advantage that only two parameters 

govern the damage evolution for each component of the cartilage (κ0,z, κc,z). Though 

these parameters are unknown for articular cartilage, since they have a clear physical 

meaning it is possible to find acceptable values for them in literature. More advanced 

exponential (Mazars and Pijaudier-Cabot 1989; Peerlings et al. 1998) and modified 

power-law softening (Geers et al. 1998) exist, but these laws have the drawback that 

the number of unknown parameters increases, which would have to be fitted to relevant 

experimental data. Unfortunately, such data is sparse for cartilage. The goal of this 

study was to gain more understanding in the role of collagen and proteoglycans damage 

during damaging of cartilage. Hence, it was not the goal to obtain the perfect set of 
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unique material parameters, or to provide an in-depth quantitative interpretation of the 

results. Therefore, the choice for the damage model is less demanding.  

However, the results should be interpreted with care because a local damage 

model has been used. This means that damage predicted by the present model may 

localize in particular elements, in this case the damage model becomes ill-posed. 

Alternative non-local damage models use a characteristic length scale that smoothen 

the effect of deformation and damage and therefore precluding localization. In gradient-

enhanced models, similar to the nonlocal models, discontinuities are smoothened so 

that strains remain finite (de Vree et al. 1995; Peerlings et al. 1998; Peerlings 2007). 

However, the use of present local damage model is acceptable, provided that the 

simulations stay within the stable part of material mechanical behavior. Otherwise, if 

mechanical stability is lost, the model becomes ill-posed and numerical solutions 

become physically meaningless due to localization. The results contain several 

indications that the effect of localization was minor. First, Figure 3 a-d and Figure 5 

show that damage in neither the fibrillar network nor in the ground substance has 

accumulated in one specific element or a number of specific neighboring elements, but 

is rather smooth. The smooth curves in Figure 3e and the strain distribution in Figure 7 

support this idea.  

Yet, the best way to check for localization in the present simulations is by 

evaluating whether there is a mesh-dependency in the solution. Indeed, the distribution 

of damage in the collagen network shows slight mesh dependency (Figure 8). Similarly, 

mesh-dependency had a minor effect on the peak-load and the relaxation curve, 

indicating a small effect of localization. However, in agreement with the above 

arguments, it is shown that these effects were small and the overall locations of the 

damage pattern and the stress-relaxation curves remained similar and physiologically 

realistic.  

There are several reasons why the material may remain mechanically stable, 

and localization and mesh dependency in our simulations may be limited. First, even 

when the ground substance loses stiffness, the collagen fiber network consisting of 

fibers in different directions still reinforces the cartilage material. Second, the 

viscoelasticity of the collagen fibers partially may contribute to keep the mechanical 

behavior of the whole system in a stable region. Third, the hydrostatic swelling pressure 

remains present, and this has a significant contribution to the stability of the model when 

the stiffness of the ground substance or collagen fibers drops. Fourth, the nature of 
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experiment, which involves step-wise stress-relaxation, allows the tissue to equilibrate 

under constant strains. Therefore, possible localization effects are not continually 

affecting the results, and their effects are not as significantly as they would be under a 

regular tensile test in which the tissue is continually elongated.    

 Also, 3D rather than 2D modeling may be required for particular future studies. 

However, this is not essential for the first assessment of the interaction between ground 

substance softening and collagen damage, which is the objective of the present study.  

  

5.5 Conclusion 

A cartilage damage progression model is proposed and employed to explore 

effects of ground substance softening and collagen fiber damage on cartilage 

mechanopathology. Even though thorough validation is still required, predictions of the 

locations and magnitudes of damage in both constituents, and the effects thereof on 

cartilage softening and tissue strain corroborate well with the literature.  

Based on the results, it is concluded that damage to the ground substance has 

more pronounced effects on cartilage softening, while damage to the collagen network 

results in adverse strain localizations inside the tissue. Importantly, it is shown that 

damage to either one of them can promote damage in the other, while an intact collagen 

network may protect the ground substance from softening and vice versa. 
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Chapter 6 
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6.1 Discussion 

Osteoarthritis (OA) is a degenerative disease of synovial joints characterized by 

pain and disability, and involves damage of articular cartilage and changes to the 

underlying bone. By the age of 55 to 65 years, up to 85% of all people have some 

degree of OA in one or more joints. Earlier changes in the joints associated with the 

development of OA may already occur in young people. Since articular cartilage is an 

avascular tissue that has very low capability of repair, such damage is progressive, for 

younger patients, joint-preserving treatments are aimed for, which include modern 

techniques such as Autologous Chondrocyte Transplantation (ACT) or Matrix-

associated Chondrocyte Transplants (MACT), established techniques such as 

debridement or mosaic plasty (OATS), and joint-loading modification through joint-

distraction or osteotomy. However, the clinical outcome of these interventions is 

suboptimal, partly because treatment is performed at relatively late stages of the 

disease. It is hypothesized that earlier intervention would be preferred for the more 

aggressive cases. However, to identify those cases is difficult. Thus, it is of interest to 

predict the time course of damage progression in cartilage. It is believed that mechanical 

overloading plays a crucial role in OA initiation and progression. Therefore, to 

understand OA development, insight into the mechanical conditions inside the cartilage 

is required.  

Computational models, in particular using the finite element method, enable to 

study the mechanical conditions in cartilage tissue under physiological or pathological 

loading regimes. Many computational models have been developed and used to 

simulate and analyze articular cartilage. Mostly these models investigate stress or strain 

distribution inside the cartilage, trying to correspond the regions of high stress or strain 

concentration to damaged regions in actual cartilage tissue. However, to the best of our 

knowledge, there has not been any fiber reinforced computational model, which actually 

uses damage mechanics, to investigate damage initiation and progression in different 

components of cartilage tissue.  

In this thesis, we have addressed this important research area on the 

mechanically induced damage of cartilage components. This was approached using 

both experimental and computational approaches. In our experiments, we aimed to 

determine the loading threshold, which triggers very early cartilage softening, and we 

aimed to evaluate whether collagen damage would be causing this softening. The 
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results of the experiments provided us with the observation that softening occurred, 

which was apparent from a reduction in the reaction force, even though there was no 

collagen damage visible in immunohistological staining. This observation invalidated our 

hypothesis that cartilage early softening starts from collagen damage.  

However, full interpretation of the experimentally observed cartilage softening 

remained difficult, because part of the softening may have been caused by a slow time-

dependent tissue response.  

Mechanical overloading not only affects the structural organization of the tissue 

that might lead to softening and damage but also at the same time depending on the 

loading condition it affects the viscoelastic and poroelastic response of the tissue. 

Reaction force, the parameter that we measured in our experiments is the resultant of 

all the changes that happen in the tissue. That is why it is very difficult to correlate the 

reaction force changes to a specific phenomenon, namely damage or change in time 

dependent characteristics. From our experiments, it remained speculative which effect 

caused the softening that we observed. The damage did not affect any parameter 

directly related to fluid flow, because peak loading did not change the time-constant, 

and the damage not only affected the peak stress, but also the equilibrium stress level 

during which fluid flow is absent. Therefore, we proposed that the observed decrease in 

reaction force might have originated from damage in either the fibrillar or the non-fibrillar 

components of the tissue, or both. However, we could not exclude another possible 

explanation for the observed softening phenomenon, which is that long-term intrinsic 

viscoelastic effects in the collagen PG matrix are responsible. Therefore, in Chapter 4 

and 5, we investigated each of these two possibilities separately, using our cartilage 

model.   

We concluded that the time-dependent response of a tissue to mechanical 

loading is very complex, because of the interaction between two separate non-linear 

and time-dependent effects: one related to collagen matrix viscoelasticity and one to 

flow-dependent poroelasticity. Fundamentally, if one of them is not in equilibrium, then 

by definition the other one is not in equilibrium as well. Previous studies have suggested 

that the choice of preconditioning strain may influence the equilibrium condition as well 

as the measured properties (Carew et al. 2000; Carew et al. 2004; Pinto and Patitucci 

1980; Woo 1982; Sverdlik and Lanir 2002; Gefen et al. 2003). The load level at 

equilibrium greatly depends on the loading applied to the tissue. June et al. (2009) also 

reported that cartilage stress relaxation proceeds slower at higher compressive strains. 
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Cheng et al. (2009) suggested that “the preconditioning strain should be reported and 

the highest strain being used in the study should be used for preconditioning. This is 

important to allow meaningful comparison of test data within the study and also with 

other studies.” Our investigation on the effect of preconditioning and the fact that the 

reaction force of the cartilage is influenced by recovery time in a repetitive loading 

regime strengthens the idea that part of the softening behavior observed in our 

experiments may not occur because of structural damage in the cartilage samples, but 

may be due to the time dependent behavior of the tissue. To explore the other possible 

explanation of our experimental results, which is that structural damage occurred in the 

cartilage samples, a damage progression model for articular cartilage has been 

presented, based on an established composition-based model for cartilage mechanics. 

It can independently predict the development of softening in the ground substance and 

damage in the fibrillar network over time and as a function of mechanical loading. The 

simulations suggest that ground substance softening is more essential to cartilage 

softening, while damage to the collagen induces an unfavorable strain field in the tissue 

that might lead to further progression of damage. Additionally, due to mechanical 

interaction between the ground substance and the collagen fibers, damage to either one 

of them can promote damage in the other. 

In addition to the softening at the very early stages of cartilage damage and 

osteoarthritis, fibrillation, clefts and fissures occurring at the surface of the tissue and 

penetrating into the deep zones of cartilage are among the signs of cartilage damage 

and osteoarthritis. These phenomena will reduce the functionality of the cartilage tissue, 

because it compromises the distribution and transfer of the load in the joint. In this 

thesis we employed our cartilage code to investigate the role of the superficial tangential 

zone of the cartilage. Our findings show that the mechanical importance of the 

superficial zone comes from both the architecture of the collagen fibers as well as the 

variation in ECM composition through the depth of the tissue. The horizontal orientation 

of the collagen fibers on the surface of the tissue is significant to avoid concentration of 

mechanical deformation on the directly loaded regions. Using the horizontal direction of 

the collagen fibers, cartilage distributes the applied loads from the directly loaded to the 

neighboring unloaded regions. Glaser and Putz (2002) also observed that superficial 

zone of cartilage distributes the loads to larger portions of the contact area rather than 

only the directly loaded regions. They also concluded that this capability of the 

superficial zone that prevents localization of loading contributes to avoid peaks of 
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surface tensile strain. Several authors considered that any kind of damage to the 

superficial zones facilitates the development of damage to other regions on the surface 

as well as in the deeper zones and consequently the chances for OA to occur increases 

remarkably (Saxena et al. 1991; Cotta and Puhl 1970; Roth and Mow 1980; Thambyah 

and Broom 2006; Thambyah et al. 2009; Bevill et al. 2010). 

The above discussion of the logic and approach taken in this thesis to 

understand aspects of cartilage damage is schematically represented in Figure 1. 

At the start of this project, the cartilage mechanics model existed and was 

already published (e.g. Wilson et al. 2006a). In Chapters 2 and 4, this model was 

applied to study effects of early cartilage damage, i.e. STZ damage and tissue 

softening. Chapter 5 presented for the first time an extended model that includes the 

actual development of cartilage damage over time. This model allowed us to study the 

mechanical behavior of articular cartilage when structural changes due to overloading 

occur. It revealed how damage in the fibers and in the ground substance may 

individually develop, and how these components may interact with each other while 

damage is progressing. Even though the model may require further enhancement and 

quantitative validation is pending, this work has provided significant insights in the 

etiology of early cartilage damage development. Also it has provided input for the 

development of new hypotheses, which are presently being explored experimentally in 

our group. 
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Figure 1 The schematic representation showing the logic and approach taken in 

this thesis to understand some aspects of cartilage damage as well as an indication of 

an overview of how the individual studies of this thesis fit together. 
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6.2 Recommendations for future studies in the field cartilage 

damage 

6.2.1 Follow up of the present work 

In our experiments, after applying load to the samples that resulted in softening, 

we find neither collagen damage nor PG loss in the histology sections. We proposed 

that the collagen network was damaged; however, we were unable to capture this 

damage with the Col2-3/4M staining. Actually, this method has proven to be very 

sensitive in the past to stain collagen that was damaged by both excessive tensile and 

shear loading (Wilson et al. 2006b). Yet, we cannot exclude that a loss of crosslinking or 

entanglement could have occurred, which may have led to a rearrangement of the 

collagen network. To observe such effects would require investigation of loaded articular 

cartilage at an ultrastructural level, for instance using electron microscopy.  

In our computational modeling of cartilage damage, so far we investigated 

damage initiation and progression of early damage, before macroscopic damage can be 

observed. There are several options, which can be added to this computational model. 

Speculating on the damage mechanisms that may occur, collagen fibers may rupture 

upon excessive straining. Similarly, PG aggregates may breakdown into smaller 

fragments, and the connectivity between aggregates may be lost. This would likely 

result in matrix softening. As a consequence, the smaller PG fractions may diffuse out of 

the cartilage, thus causing the loss in Safranin O staining in the damaged region. We 

did not observe such a loss of PG staining in our samples, which were frozen 

immediately after damaging. It is possible that PG fragments should be given a longer 

time to diffuse out of the tissue, which could be the topic of a future study. 

If PG loss would occur over time, it would not only affect the stiffness of the 

ground substance, but it would also lower the fixed charge density in the tissue. This 

effect of PG loss has not been considered in the present model, but it is well possible to 

add this to the damage progression model in the future. Also, PG diffusion and leakage 

over time could be implemented. 

The other extensions relate to the damage model and the way it can be 

implemented. In this work, we have employed the linear softening damage evolution 

law. There are also other softening models such as an exponential and a modified 

power-law. Since the mechanical behavior of both collagen fibers and the ground 
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substance are not linear, these two models may be more accurate. However, it should 

be noted that these models have more parameters, which make them more difficult to 

measure and validate. Moreover, the damage model in this work has been implemented 

in a local way. However, to improve this work and in order to prevent localization (mesh-

dependency), theoretically it is better to use a nonlocal or enhanced gradient method for 

the damage evolution (de Vree JHP et al. 1995; Peerlings et al. 1998, Peerlings 2007). 

Future developments and experimental data sets will be required to further develop the 

damage evolution law for collagen and PG in cartilage. 

6.2.2 Towards a clinically viable tool 

The ultimate aim of the present model development is to use it as a tool that can 

be used to predict progression of OA, given current conditions of the joint and the 

patient. A key question that such model may for instance help to answer, is whether for 

a particular patient, OA progression will be aggressive or mild, and under which 

circumstances adaptive or degenerative responses would prevail. To develop a tool that 

can assist in making such difficult prognostic evaluations will be very challenging, and 

we will have to overcome significant hurdles before the present cartilage damage model 

will become a clinically viable tool. These include factors related to obtaining patient-

specific model input, the model itself, validation of the predictions, and the ultimate 

practical implementation in the clinic. 

The model is based on the finite element method, by which realistic geometries 

can be created, and an advanced cartilage material model that includes realistic 

contents and structure of the constituents. In principal, these are all measurable in 

explants. However, it is most challenging to include patient-specific tissue geometry, 

patient-specific tissue structure and composition and patient-specific tissue loading 

conditions. For the geometry, it may be speculated that the development of high-

resolution imaging techniques based on X-ray and MR, in combination with the 

developments in automated image analysis and segmentation may make it possible in 

the future to use patient-specific geometries. 

However, within this geometry, quantitative patient-specific spatial distributions of 

tissue structure and composition are also required, and this poses a more significant 

challenge. This is especially important when aiming for the identification of early OA, 

when the tissue softens and the contents change, yet the geometry is still relatively 

normal. Advances in the field of MR imaging are promising and may eventually be able 
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to deliver the requested data. For instance, it is possible to derive biomechanical 

properties of cartilage (Niemminen et al. 2004; Julkunen et al. 2008b; Julkunen et al. 

2013) the arrangement of the collagenous network (Nieminen et al. 2001; Xia 1998), 

spatial variations in PG content (Nissi et al. 2004) and fixed charge density distribution 

(Silvast et al. 2009) from MRI measurements. It may be expected that such data can 

also be derived from patients in the future. Finally, patient-specific loading conditions 

may already be derived from human movement analyses in an inverse approach.  

With patient-specific input, the prediction of damage progression by the model 

will also become patient-specific. However, even when appropriate patient-specific input 

data would be available, it is a major computational challenge to perform realistic 

simulations using all these data. The model would have to include the presently used 

material model for cartilage, and at the same time capture the realistic joint geometry in 

3D. This requires a very large number of elements, and consequently long computation 

times. In addition, joint kinematics is important for the development of OA throughout a 

joint. This poses additional requirements to the model. For instance, kinematic 

constraints such as ligaments, menisci and muscle forces will have to be incorporated. 

Although such simulations are presently impossible, the developments of faster 

computers and computational approaches may make such simulations possible in the 

future. In addition to more advanced numerical implementation of damage development, 

as discussed before, a cartilage degeneration model would also have to include the 

biological response to (adverse) mechanical loading, as well as a repair response to the 

damage. Modeling such responses in physiologically realistic ways is another major 

challenge that we have only started to dive into. Of particular interest are computational 

models that are being developed to understand the development of cartilage under well-

controlled conditions during tissue engineering. 

When these developments are complete, the next challenge is to validate that 

this model can indeed be used to objectively predict the time course of OA progression 

in a patient-specific manner. Simulations of OA progression should be performed, 

starting with patient-specific input data. For tuning and subsequent validation, computed 

predictions of structural and compositional changes in cartilage and bone should be 

corroborated against data from prospective clinical studies that include imaging data of 

OA progression at various stages of the disease. Such data are presently being 

collected in various studies in the world, for example in the Genetics, Arthrosis and 

Progression (GARP) study at the Leiden University Medical Center in The Netherlands. 
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After model validation, the final challenge is to implement a numerical tool into 

clinic practice. Collaboration with clinicians during the validation phase or even earlier, 

will be essential, but is in itself insufficient to achieve this. Likely, it requires participation 

of people with engineering backgrounds, such as medical engineers who are currently 

being trained in our own department as well as elsewhere around the world. 

In conclusion, major challenges will need to be overcome before the model in its 

present form may become a clinically viable tool. Some of these hurdles cannot be 

taken with the present technical possibilities. However, there are significant 

developments in each of these areas, which may enable their use when time comes. 

Therefore, the development of a clinically useable cartilage damage progression will 

remain at the forefront of what is technologically feasible. 

 

6.3 General conclusion 

In conclusion, the first steps in the development of a damage model have been 

taken in this thesis. Starting from a fibril reinforced poroviscoelastic swelling model, 

which is a composition-based approach to model cartilage mechanics, damage was 

introduced such that it could be attributed to particular aspects of the tissue, i.e. to 

collagen or ground substance. Although further validation of the model is required for 

early as well as more progressive tissue damage, the potential benefits of this model 

are apparent. It opens possibilities for understanding fundamental aspects of OA 

initiation and progression. For instance, it allows unraveling the specific effects of 

collagen damage or ground substance weakening, which in turn provide significant 

complementary insights to experimental studies using tissue explants or animals.
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