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Summary 
 

Computer-Aided Cartilage Tissue-Engineering; a numerical 

evaluation of the influence of  inhomogeneities, collagen 

architecture and temporal culture effects 

 

 

 

 

Hyaline articular cartilage has a crucial role in the distribution of joint mechanical 

loads and smooth movement of bones. Because of its poor healing capacity, cartilage 

damage is progressive and may lead to osteoarthritis (OA). Replacing damaged 

cartilage with tissue engineered (TE) cartilage is promising for the treatment of OA. 

Despite improvements, however, the inferior mechanical property of today’s TE cartilage 

is one of the main reasons, which causes unsatisfactory mid- to long-term outcome in 

clinical applications. Insufficient mechanical stiffness, likely the results of insufficient 

collagen content in the extracellular matrix (ECM), lack of physiological collagen 

architecture (i.e. vertical fibers in the deep zone and horizontal fibers in the superficial 

zone) and inhomogeneous distribution of ECM are among the main different 

characteristics of current TE cartilage, compared to those of native cartilage. In addition, 

the production process of TE cartilage requires cells to synthesis ECM within a few 

weeks. This is quite different compared to the physiological process of native cartilage 

formation, which is on the order of months/years. It is unknown how such characteristics 

of TE cartilage may influence its mechanical performance. 

For a better fundamental understanding of the role of these aspects, the 

objective of this thesis was to evaluate (1) the influence of cellular-and tissue-scale 



 

vi 

 

inhomogeneities in ECM distribution on the mechanical environment of chondrocytes in 

agarose TE constructs during and at the end of culture, (2) the relative importance of 

mechanical stiffness, collagen content and collagen network architecture for the post-

implantation mechanical performance of TE cartilage, (3) current and newly proposed 

mechanical stimulations to stimulate formation of a physiological collagen architecture in 

TE cartilage and (4) the effects of temporal ECM deposition on the mechanical behavior 

of TE cartilage.  

    A finite element approach with a composition-based non-linear fiber-reinforced 

poroviscoelastic swelling material model was used. It was shown that inhomogeneities 

in ECM distributions reduce overall construct stiffness and may significantly alter the 

tissue-level mechanical environment in the construct as well as the micromechanical 

environment of chondrocytes at the sites of inhomogeneties, in both free-swelling and 

under mechanical loading culture conditions. 

    To assess post-implantation mechanical conditions of TE constructs under 

physiological loading, an axisymmetirc model of a medial tibia plateau was used in 

which a cylindrical part of the mesh at the central region of the model represented a TE 

implant. Results indicated that adverse implant composition and ultrastructure would 

lead to post-implantation excessive mechanical loads, with collagen network 

architecture being the most critical variable. 

    To explore which mechanical stimulations would be likely to trigger a 

physiological collagen architecture, strain fields as a result of unconfined compression, 

and a novel loading regime of sliding indentation with an without lateral tissue 

compression were evaluated. Results suggested that sliding indentation is likely to 

stimulate formation of an appropriate superficial zone with parallel fibers. Adding lateral 

compression may stimulate formation of a deep zone with perpendicularly aligned 

fibers. 

     Finally, a numerical framework was developed to evaluate the effects of 

temporal ECM deposition on the mechanical behavior of TE cartilage. The effects of 

differences in the rate of proteoglycans and collagen synthesis during cartilage TE were 

quantitatively evaluated. The range of predicted construct stiffness was compared to 

those reported in the literature. It was shown that alterations in the synthesis rates of 

proteoglycans and collagen would significantly change the mechanical behavior of TE 
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cartilage. This indicated that even with similar final ECM contents, constructs would 

have different mechanical properties depending on the history of development.  

     The insights provided in this dissertation should be considered in future 

cartilage tissue-engineering studies, as they may indicate directions that would result in 

the development of mechanically superior TE cartilage with enhanced long-term 

survival. Furthermore, in the present study we showed how numerical simulations can 

be used to assist in evaluating and designing loading protocols for tissue engineering 

and provide useful insights for experimental studies to discriminate promising protocols 

from those with poor potential, which is a step forward towards successful tissue-

engineering of cartilage. 
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1.1 Articular cartilage 

1.1.1 Tissue level 

One of the natural physiological marvels is the design of articular cartilage (Fig 

1.1), which covers the end of the bones in mammalian synovial joints having an 

important role in their moving capabilities. Lubrication by synovial fluid and attachments 

of long molecules (e.g. hyaluronan and lubricin) to the surfaces of cartilage provide a 

low friction contact and smooth movement of the bones. Furthermore, the unique ultra-

structure of cartilage allow withstanding the joint loads during daily activities. Cartilage is 

a porous material containing a solid phase saturated with fluid (65-80% by wet weight). 

Extracellular matrix (ECM) components in the solid phase are predominately 

proteoglycan (PG) (5-10% dry weight) and type II collagen (50-90% of the dry weight) 

(Heinegard and Oldberg 1989). 

Containing fixed charges, PG’s attract water through Donnan osmotic pressure. 

The collagen fiber network, which is stabilized by crosslinking of the collagen fibrils 

(Eyre et al. 1988; Wu et al. 1992), resists tension and acts against the tissue swelling, 

thus helping the tissue to maintain an internal pressure. Collagen fibers in cartilage are 

organized in a depth dependent network with vertical fibers in the deep zone, randomly 

oriented fibers in the middle zone and horizontal fibers in the superficial zone (Fig 1.1). 

Vertical fibrils in the deep zone resist swelling (Wilson et al. 2006), and protect the solid 

matrix against large strains at the subchondral junction (Shirazi and Shirazi-Adl 2008). 

The superficial zone, which consists of high concentration of collagen fibers, plays a 

crucial role in resisting elevated tensile stresses parallel to the articular surface and in 

distribution loads over the cartilage (Owen and Wayne 2006).   

 

1.1.2 Cell level 

Chondrocytes (Fig 1.1), the only cell type in cartilage, make up less than 10% of 

the tissue volume. Chondrocytes are responsible for ECM synthesis. In healthy cartilage 

there is a balance between catabolic degradation and anabolic production of 

proteoglycan aggrecan and collagen type II (Nicodemus and Bryant 2010). 
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Figure 1.1 Articular cartilage covers the end of the bones in our joints and is 

exposed to joint loads in daily activities. The unique structural depth-dependent 

composition of the cartilage has a crucial role in withstanding and distributing the joint 

loads. Chondrocytes sense physical signals and convert load into a cascade of cellular 

and molecular events. 

 

 

Chondrocytes sense physical signals through the putative mechanosensors of 

stretch-activated ion channels, the cytoskeleton, and nuclear deformation (Shieh and 

Athanasiou 2003). The mechanical behavior of chondrocytes may be governed primarily 

by their membrane. As the deformation increases, some other intracellular components 

such as the cytoskeleton and nucleus may play an increasingly significant role (Nguyen 

et al. 2010). 

An important component for the micromechanical environment of chondrocytes is 

the pericellular matrix (PCM). PCM differs from the ECM because it has a higher 

concentration of proteoglycans and contains collagen type VI, which is exclusively 

present in the PCM (Guilak et al. 2006). The PCM plays an important role in 

mechanotransduction (Alexopoulos et al. 2003; Lee and Bader 1997), probably through 

an interaction of type VI collagen with cell surface integrins or hyaluronan (Knudson and 

Loeser 2002; Lee et al. 2000). 
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1.2 Osteoarthritis (OA) and cartilage tissue-engineering (TE) 

Because of the poor healing capacity of cartilage, cartilage damage is 

progressive and may lead to osteoarthritis (OA). OA disables approximately 10% of the 

population older than 60 years of age, and in the USA alone, it decreases the quality of 

life of more than 20 million people (Buckwalter et al. 2004). Despite progress in the 

pharmacotherapy of OA (Wieland et al. 2005), the treatment of cartilage injuries is still a 

challenge. Current treatment strategies like osteochondral autograft 

resurfacing/mosaicplasty (OATS), autologous chondrocytes injection (ACI) and micro-

fracture have varying success rates, but average long-term results are unsatisfactory 

(Kreuz et al. 2006; Redman et al. 2005; Bentley et al. 2003; Hunziker 2002; Buckwalter 

and Mankin 1998). Among the main limitations of therapies such as OATS or ACI for 

treatment of local cartilage damage is the lack of donor tissue as well as the lack of 

grafts that contain biologically and mechanically functional tissue (Schek et al. 2004). 

 Replacing damaged cartilage with tissue engineered cartilage (Fig 1.2) has 

promising potential for the treatment of OA (Risbud and Sittinger 2002; Kuo et al. 2006; 

Nesic et al. 2006; Noth et al. 2008). The most prevalent approach in cartilage tissue 

engineering (TE) involves seeding chondrocytes in hydrogel scaffolds. Seeded 

chondrocytes need to be exposed to appropriate stimuli to induce proliferation and 

synthesis of proper and sufficient ECM components and to prevent cells and tissue from 

differentiating (Lammi 2007). From a biomechanical perspective, ECM components are 

important because these provide mechanical durability for the engineered tissue, which 

should take over the role of native cartilage and withstand in vivo mechanical loads after 

implantation in the long-term. 

 

1.3 Current state of cartilage TE and the role of computational 

modelling 

After 3 decades of research, the field of cartilage TE has shown promising 

improvements. Yet, the average (mid)long term clinical outcome of TE cartilage 

transplantations is unsatisfactory. One important reason for this limited success is the 

inferior mechanical properties of currently produced TE cartilage (Hunziker 2009). 
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Figure 1.2. Because of the lack of vasculation, cartilage has a poor healing 

capacity and cartilage damage may lead to osteoarthritis (OA). Replacing damaged 

cartilage with tissue engineered cartilage has promising potential for the treatment of 

OA (adopted from Emans et el. 2010). 

 

 

Mechanical stimulation has been recognized as one of the cues to improve these 

mechanical properties by enhancing the content of proteoglycan and collagen. 

Compression, shear loading, fluid flow hydrostatic pressure and complex loading such 

as sliding indentation has been used as candidates for loading (see review Lee et al. 

2006). Using mechanical stimuli to enhance matrix production in TE constructs, it is 

possible to engineer cartilage with almost native PG's content. However, collagen 

reaches only 15% to 35% of the native content after five to twelve weeks (Eyrich et al. 

2007; Hu and Athanasiou 2006; Miot et al. 2006). Moreover, rather than the native 

depth-dependent collagen network architecture, collagen fibers are mostly randomly 

oriented in the constructs. Approaches to create a depth dependent tissue include using 

depth-dependent scaffold properties or cell sources. However, these approaches had 

limited success in the (mid)long-term (Kim et al. 2003; Malda et al. 2005; Ng et al. 2005; 

Klein et al. 2007; Moutos et al. 2007; Ng et al. 2009).  

Besides the aforementioned differences between the structure and composition 

of cartilage TE constructs and native cartilage, the ECM distribution in TE constructs is 

different from that in native tissue. At the tissue scale, matrix content is commonly 

higher in the construct periphery due to enhanced availability of critical nutrients in the 

culture medium or because of nutrient utilization by peripheral cells (see review by 
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Sengers et al. 2007). At the cell scale, especially in early days/weeks of culture, islands 

of new matrix develop mostly around isolated chondrocytes (Buschmann et al. 1995;  

Quinn et al. 1998).  

Considering the above-mentioned differences between currently produced 

cartilage TE constructs and native cartilage, it is important to understand the role of 

such differences in the mechanical properties of TE cartilage. This understanding can 

then be employed to possibly change and optimize TE strategies in such a way that 

these differences are minimized. However, the TE process is a complex and dynamic 

process, involving numerous regulatory mechanisms that are influenced to a large 

extent by the evolving cellular environment itself. Optimization of specific types of 

mechanical stimulation and culture conditions, choices for scaffold material and 

integration of the neo-cartilage with the surrounding tissue post-implantation are few 

examples of considerations, which should be addressed to obtain progress in the 

manufacturing of functional cartilage tissue for transplantation. However, the complex 

interplay between biological and mechanical aspects involved in TE limits the rate of 

such progression. For faster progress in this field of research, there is a demand for 

fundamental understanding of different aspects involved in TE strategies. In conjunction 

with experimental studies, computational modelling has been recognized as a valuable 

tool to gain fundamental insights in different aspects involved in cartilage TE. 

Predictions and quantifications by means of computational modelling can provide 

insights into those aspects that are difficult to assess experimentally. Such models can 

assist to refine or enhance the interpretation of experimental results and discriminate 

promising protocols from those with poor potential.  

 

1.4 Rational and outline of the thesis 

Considering the potential value of computational modelling in providing useful 

insights for better understanding of the TE process, several studies have attempted to 

use and develop these models in the field of cartilage TE. In chapter 2, a review on the 

applications of computational modelling in cartilage TE is presented. Our focus has 

been on identifying recent progress and common limitations in modelling approaches in 

cartilage TE.  
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Generally, cartilage TE studies aim to increase ECM content, as this is thought to 

determine the load-bearing properties of the cartilage. However, there is inconsistent 

data in the literature regarding the correlation between ECM content and mechanical 

properties of TE constructs. In addition to the amount of ECM, the spatial 

inhomogeneities in ECM distribution at the tissue scale as well as at the cell scale may 

affect the mechanical properties of TE cartilage. The relative importance of such 

structural inhomogeneities on the mechanical behavior of TE cartilage is not well 

understood. Therefore, in chapter 3, we theoretically elucidate the influence of these 

inhomogeneities on the mechanical behavior of chondrocyte-agarose TE constructs. 

The obtained insights are used to elucidate whether or not cartilage TE studies should 

consider the local and global ECM distributions as important factors. 

Mechanical stimulation during cartilage TE enhances ECM synthesis and thereby 

improves the mechanical properties of TE cartilage. Generally, these mechanical stimuli 

are kept constant over the culture time. However, as a result of ECM synthesis and 

spatial variations thereof at both the tissue- and cell-scale, the internal mechanical 

conditions in the constructs change with time. Consequently, the stimuli that are 

received by the cells may vary spatially and temporally, even though macroscopically 

the same loading is applied to the construct. We postulate that if the chondrocytes are 

to be stimulated similarly throughout the culture time, the loading regime would have to 

be adjusted over time. However, even though in principle that would be possible, this is 

not current practice. The main reason for keeping mechanical stimulation constant over 

time is that it is unknown to what extend we would have to change them. Before we can 

determine this, we require quantitative insight into the consequence of ECM 

development for mechanotransduction of externally applied strains down to the 

chondrocyte level. Therefore, in chapter 4, we quantify the influence of tissue and cell 

scale ECM distribution on the mechanical stimuli received by cells in TE constructs 

during unconfined compression loading. This is expected to ultimately reveal ways to 

dynamically adjust loading regimes during cartilage TE. 

Besides the aforementioned differences in ECM distribution, the differences in 

the collagen network architectures are among the main distinctive characteristics 

between TE and native cartilage structure. Considering the important role of the 

physiological depth-dependent collagen network architecture in load bearing properties 

of native tissue, recently, reproduction of such collagen architecture in TE constructs 

has gained interest. However, it is unknown whether the mechanical performance of TE 
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cartilage would benefit more from higher content of biochemical compositions, or from 

achieving an appropriate collagen organization. Therefore, in chapter 5 we elucidate 

the relative importance of implant ground substance stiffness, collagen content and 

collagen architecture of the implant, for the post implantation mechanical behavior of the 

implant. Such insights would assist tissue engineers to focus on those aspects that are 

most important to ultimately achieve satisfying implantation outcomes. 

Following the evaluation of the importance of collagen architecture in the 

mechanical behavior of TE implants in chapter 4, in chapter 6 we explore how 

physiological collagen architecture may be reproduced in cartilage TE constructs. 

Considering the well-defined relationship between tensile strains and collagen alignment 

in the literature, we assume that cues for inducing this orientation should come from 

mechanical loading. Strain fields prescribed by common and recent loading conditions 

of unconfined compression and sliding indentation, respectively, and a novel loading 

regime of compressing-sliding indentation are numerically evaluated to assess the 

probability that these would trigger a physiological collagen architecture. Obtained 

insights may be used to improve loading conditions for cartilage TE and/or design 

dedicated bioreactor systems. 

Another inherent difference between TE and native cartilage is in their 

development. To grow TE cartilage in a reasonable amount of time, requires ECM to be 

synthesized and mature within a few weeks of culture. This is essentially different from 

the physiological process of cartilage formation, which is in a time-scale of 

months/years. Descriptive material models, which account for such temporal effects are 

demanded if we are to optimize ECM development during short culture time. In chapter 

7, a numerical framework is presented to quantitatively evaluate the effects of temporal 

ECM deposition on the mechanical behavior of TE cartilage. The developed model was 

then used to gain deeper insights in the gradual changes of the mechanical behavior of 

cartilage TE constructs by temporal ECM deposition. 

Finally, in chapter 8, the insights achieved in the present thesis are generally 

discussed and summarized.  



 

 

 

Chapter 2 

 

         Role of theoretical and 

computational modelling in cartilage 

TE strategies  

  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

The concepts of this chapter are based on: Khoshgoftar M, Ito K, van Donkelaar CC 

(2012) Role of theoretical and computational modelling in cartilage tissue engineering 

strategies. In preparation 
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2.1 Introduction 

Considering the interaction between joint- tissue- and cellular-level 

biomechanical and biological factors in the TE  process and post implantation success 

of cartilage TE implants, deep insights into the mechanisms involved in each individual 

level is necessary. Numerical predictions and quantifications can provide information on 

those aspects that are difficult to assess experimentally. Several studies have attempted 

to develop and apply numerical models to cartilage TE. In this chapter, an overview of 

computational studies in the field of cartilage TE at different scales, from mechanical 

point of view, is presented. The aim is to identify recent progresses and findings as well 

as common limitations for modelling approaches in cartilage TE.  

 

2.2 Joint-tissue level models 

A number of studies developed joint level models to investigate functionality and 

mechanical conditions of cartilage grafts and engineered implants when implanted in 

joints. Owen and Wayne (2006, 2011) performed a finite element (FE) study to 

investigate the impact of the superficial tangential zone on the mechanical function of 

normal articular surfaces as well as those with transplanted constructs. In that study, an 

axisymmetric model of a cartilage layer consisting of a central repair region was used. 

Cartilage was modeled as isotropic biphasic material and a superficial tangential zone 

was modeled as a thin transversely isotropic material with strain dependent 

permeability. It was concluded that incorporating a superficial tangential zone in TE 

constructs may be a critical factor in achieving mechanical environments conducive for 

successful cartilage repairs. Kelly and Prendergast (2006) used a mechanoregulation 

algorithm for stem cell differentiation by strain and fluid flow to determine the influence 

of scaffold material properties on chondrogenesis in a finite element model of an 

osteochondral defect. Reducing the permeability of the scaffold and increasing the 

stiffness, up to a certain point, were predicted to increases the amount of cartilage 

formation and reduce the amount of fibrous tissue formation in the defect. An optimal 

design was determined in which the Young’s modulus nonlinearly reduced from the 

superficial region through the depth of the scaffold, while the permeability of the scaffold 

was lowest in the superficial region. These predictions were based on the assumption 

that cell movement can be described using a diffusion equation. Joint geometry was 
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simplified to an axisymmetric model and the nonlinear and inhomogeneous nature of the 

tissue was not accounted for. In another study, Mononen et al. (2011) looked at the 

effect of collagen fibril network structure and properties on the mechanical behavior of 

osteoarthritic and repair cartilage. In that study, MRI was used to reconstruct a 2D 

geometry of a knee joint, including the menisci, and a fibril-reinforced poroviscoelastic 

(FRVPE) material model was used to calculate stresses and strains in native and repair 

cartilage. Swelling effects were not considered in their material model. Their results 

suggested that the collagen network strongly modulates cartilage mechanics in joints 

and may have a role in preventing further cartilage degeneration as well as restoring the 

normal joint function after cartilage repair, provided that the collagen fibrils are stiff 

enough. Mononen et al. suggested that the stiffness of the collagen fibrils is as critical 

as the architecture for normal joint function. They also emphasized on a major role of 

the menisci in distributing loads across the tibiofemoral joint. Vahdati and Wagner 

(2011) created a FE model of TE cartilage implant transplanted in a focal cartilage 

defect in the knee joint to investigate the effects of a low modulus and proteoglycan 

(PG) content of the implant. While they considered swelling effects, Vahdati and 

Wagner (2011) used a biphasic isotropic and homogenous material model for cartilage 

and they neglected collagen fiber reinforcements. They showed that lack of sufficient 

implant stiffness may significantly alter fluid flow velocity and pattern and increase the 

fluid load support. Such alteration may directly influence frictional properties of the 

articular surface due to biphasic lubrication (Krishnan et al. 2003; Krishnan et al. 2005; 

Ateshian 2009). 

In addition, numerical models have also been used to address the effects related 

to implants size and their placement. Pena el al. (2006) used a FE model of the human 

knee that included femur, tibia, cartilage layers, menisci and main ligaments, to study 

different defect sizes located in the medial femoral condyle in low- and high-weight-

bearing areas with and without meniscus. They showed that no stress concentration 

appeared around the rim of small defects and the stress distribution was mainly 

controlled by meniscus contact. In contrast, important rim stress concentration was 

found for large osteochondral defects. Alteration of the stress distribution around the 

defect rim has important clinical implications regarding the long-term integrity of the 

cartilage adjacent to osteochondral defects. Indeed, an important challenge in 

engineering cartilage repair tissue is the integration of the neo-tissue with the adjacent 

native cartilage (Ahsan et al. 1999; Obradovic et al. 2001; Wu et al. 2002). It has been 
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postulated that at early stages of the integrative repair process, molecular bridges span 

the interface between TE implant and native cartilage (Ahsan and Sah 1999). If the 

implant is not firmly fixed to the surrounding native tissue, separation and relative 

motion between them could interfere with initiation of integration and formation of 

molecular bridges. Lack of integration may further alter the mechanical environment, 

hinder cartilage regeneration at the defect site and lead to implant failure. Adhesives 

(i.e. fibrin glue, tissue transglutaminase, photochemical welding) have been used to 

achieve a better implant-native tissue integration. As biomechanical characterization of 

repair tissue at the site of integration in vivo is difficult, models which resemble in vivo 

loading conditions can help to better characterize and understand complex 

displacements and loading that either the integration tissue or the adhesive layer is 

subjected to. Wu et al. (2002) used a finite element model of the knee joint and showed 

that fitting stress decreases while the contact area between femur and plug increases 

with increasing diameter of the plug. Consequently, the maximal plug sliding force is a 

nonlinear function of the diameter of the plug. Vahdati and Wagner (2011) simulated an 

imperfect integration of a TE cartilage implanted in native joint. They concluded that an 

implant with inferior properties may not disrupt the integrative repair process more than 

an ideal implant (i.e. an implant with the mechanical properties of native cartilage). It 

should be noted that collage fiber-reinforcements and anisotropy of the tissue was not 

accounted for in their study. 

 

2.3 Tissue-construct level models 

A number of computational studies have evaluated mechanical conditions in 

cartilage TE construct under various culture conditions. In a linked experimental-

numerical study, Hunter and Levenston (2002) used an axisymmetric FE poroelastic 

model to estimate how static or oscillatory mechanical compression affects ECM 

synthesis by chondrocytes located in a cartilage TE construct, attached to a cartilage 

explant. In this study, the FE analyses provided a potential explanation for the 

differences in mechanical stimulation observed in the experiments, introducing the 

interstitial fluid pressure as an important factor in chondrocyte synthetic activities. In 

another experimental-numerical study (Connelly et al. 2004), a 3-dimentional poroelastic 

FE model of fibrin gel was used to examine how various amplitudes of dynamic tension 
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influence chondrocyte matrix synthesis. The combination of loading experiments and FE 

analysis allowed for detailed examination of how the amplitude of cyclic tension 

influenced chondrocyte matrix synthesis, showing that dynamic tension, depending on 

the magnitude of tension, consistently inhibited proteoglycan production. Tasci et al. 

(2011) performed a poroelastic finite element assessment on the effective mechanical 

stimuli for matrix-associated metabolism in chondrocyte-seeded constructs. The study 

aimed to numerically determine the ranges of physical stimuli that increase ECM 

synthesis (as a marker for anabolic activities) and simultaneously inhibit nitric oxide 

production (as a major marker of degeneration) in chondrocyte–agarose constructs. The 

analyses highlighted pressure rate as an important factor in the metabolic response. 

Computational modelling has also been used to optimize scaffold characteristics 

and designs (Lima et al. 2004; Moroni et al. 2006; Babalola and Bonassar 2009; Ng et 

al. 2006; Olivers et al. 2009). Lima et al. (2004) used biphasic FE modelling to compare 

the different mechanical stimuli that arise with dynamic straining of osteochondral 

constructs compared to those that occur in gel-alone constructs in response to the same 

mechanical loading protocol. Inhomogeneous distribution of mechanical signals 

predicted in osteochondral constructs compared to those in gel alone constructs was 

suggested to aid in the development of native-like inhomogeneity in the engineered 

osteochondral constructs. Moroni et al. (2006) performed a FE study to assess the 

relationship between dynamic stiffness of poly(ethylene oxide terephthalate)–

poly(butylene terephthalate) (PEOT/PBT) scaffold on the intrinsic mechanical and 

physicochemical properties of the material used, and on the overall porosity and 

architecture of the construct. In their study, it was highlighted that with increasing 

porosity, the dynamic stiffness would decrease in an exponential manner. It was shown 

that the mechanical properties of different soft and stiff tissues could be mimicked by 

varying the scaffold porosity, the scaffold architecture, and/or the copolymer 

composition. Ng et al. (2006) constructed a FE model based on biphasic theory to gain 

better understanding of the spatiotemporal physical environment during loading of 

bilayered agarose constructs, with 2% agarose layer on top of a 3% agarose layer. 

Their results suggested that agarose transport properties play a much more important 

role than initial stiffness in regulating tissue production. Further, they also concluded 

that dynamic loading of bi-layered constructs can accentuate the development of 

mechanical inhomogeneity of the resulting tissue to mimic that of native cartilage. 

Babalola and Bonassar (2009) used a poroelastic FE model to analyze the physical 
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stimuli present within mechanically loaded scaffolds commonly used in cartilage TE. 

They showed a significant influence of scaffold material on the physical stimuli 

(pressures, strains, and fluid velocities) experienced by cells, while the same external 

loading condition was applied on the constructs. Giving insight into scaffold design and 

the selection of loading regimens for stimulation of TE cartilage, it was also shown that 

the maximum peak pressures within common scaffolds in cartilage TE were strikingly 

lower than those in native cartilage in vivo. Based on a mechanoregulation theory, 

Olivers et al. (2009) established a computational approach to relate mechanical stimuli 

(compression load and fluid perfusion) with cell differentiation as a function of scaffold 

morphology (pore size distribution, shape, interconnectivity). For the solid phase of the 

scaffold, a linear elastic material model was used and the fluid flow characterization was 

calculated independent from the solid phase deformation. High dependency of fluid 

perfusion induced shear stress on pore distribution within the scaffold was shown. It was 

also shown that pore shape is critical in the determination of the mechanical stimuli and 

mechanical function of the scaffolds. 

 

2.4 Cell level models 

Aiming to correlate alterations in cell biosynthetic activities to changes in the 

local biomechanical environment of the cell, several studies have attempted to simulate 

chondrocyte deformation and chondrocyte-matrix interactions in native cartilage, 

showing significant influence of physical signal on chondrocyte synthetic activities 

(Bachrach et al. 1995; Wu et al. 1999; Wu et al. 2000; Korhonen et al. 2001; Wu and 

Herzog 2006; Korhonen et al. 2006; Michalek and Iatridis 2007; Chahine et al. 2007; 

Haider and Guilak 2007; Kim et al. 2008; Korhone and Herzog 2008; Julkunen et al. 

2009). The crucial influence of PCM properties on the equilibrium or transient 

micromechanical environments of chondrocytes within ECM under loading has also 

been parametrically studied using multi-scale modelling approaches in which the 

boundary conditions of micro-scale models are determined from solving macro-scale 

models (Guilak and Mow 2000; Alexopoulos et al. 2005; Korhone and Herzog 2008; 

Julkunen et al. 2009). However, most of these attempts have focused on cartilage tissue 

explants, which includes native ECM, either normal or osteoarthritic. Different from in 

vivo condition, the absence of an intact cartilage ECM around isolated chondrocytes in 



Theoretical and computational modelling in cartilage TE 

15 

 

in vitro culture is most likely to affect the mechanical environment of the chondrocytes. 

Especially at early days of culture, the scaffolds provide a more uniform environment 

through which the effects of specific factors related to the ECM or PCM may be 

eliminated (Guilak and Mow 2000; Knight et al. 1998). 

Related to the field of cartilage TE, in a numerical study by Guilak and Mow 

(2000), the biphasic parameters were varied to represent agarose and alginate 

hydrogels with encapsulated chondrocytes. They showed that the properties of the PCM 

significantly increase the stress-strain environment and fluid flow in the vicinity of 

individual cells. Breuls et al. (2002) developed a mathematical model, based on a 

multilevel FE approach, to define local cell loads in an engineered tissue construct 

subjected to an external load. In that study the profound impact of microstructural 

heterogeneity on local cell deformations was highlighted and it was shown that the 

presence of neighboring cells causes non-uniform deformations within a cell. 

Incorporating a semi-permeable membrane, Ateshian et al. (2007) modeled the 

chondrocyte embedded in agarose gel and showed that the chondrocyte volume 

reduction inside agarose falls in between the two extreme cases of isolated and in situ 

chondrocytes. It was shown that isolated chondrocytes behave practically as an 

incompressible solid whenever the loading duration is on the order of minutes or hours. 

In contrast, when embedded in ECM, it was shown that the volume of the chondrocyte 

decreases concomitantly with that of the extracellular matrix. The interstitial fluid flow in 

the ECM is directed around the cell, with peak values on the order of tens of 

nanometers per second. The viscous fluid shear stress acting on the cell surface is 

orders of magnitude smaller than the solid matrix shear stresses resulting from the 

extracellular matrix deformation. In a more recent work by Appelman et al. (2011), FE 

approach was used to elucidate the sequence of biomechanical and biochemical events 

through which applied mechanical loading influences chondrocyte bioactivity in TE 

cartilage in vitro. Focusing on the peak amplitudes during dynamic loading, previously 

described observations that the PCM introduces a stress shielding effect to the cells 

(Alexopoulos et al. 2005), was further reinforced. The simulations showed that a larger 

cell with the same PCM thickness developed higher stresses under the same prescribed 

displacements during loading. An interesting postulation was that cells with different 

sizes might adapt their PCM size in response to their surrounding, even though they are 

subjected to the same mechanical strain under loading.  
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2.5 Discussion and conclusion 

The majority of the reviewed studies have used poroelastic biphasic material 

models for describing the material behavior of TE cartilage. While these studies have 

provided useful insights in describing the mechanical behavior of TE cartilage 

constructs, the role of the interaction between collagen fibers and osmotic swelling 

pressure in the mechanical behavior of TE cartilage has not accounted for. For 

example, in the models simulating the chondrocyte micromechanical environment, the 

effect of osmotic pressure resulting from the increasing fixed-charge density by 

proteoglycan accumulation in cells periphery could produce additional mechanical loads 

in and around seeded chondrocytes, and change their micromechanical environment. 

Ignoring such effects may result in incorrect numerical predictions. An important hint in a 

study by Appelman et al. (2011) was that the choice for particular constitutive equations 

for describing the cartilage could largely affect the predicted stress and strain fields. 

Given such critical importance of the material models used in the simulations, we 

suggest that theoretical and numerical should use composition-based material models, 

which accommodate the role of collagen and swelling by PGs. 

We identified three main applications/opportunities for numerical approaches in 

the field of cartilage TE: joint level models to investigate functionality and mechanical 

conditions of cartilage grafts and engineered implants when implanted in joints, tissue-

construct models to evaluate and optimize the mechanical conditions in cartilage TE 

construct under various culture conditions, and cell-level models to evaluate and 

interpret experimental finding to obtain fundamental insights into the influence of 

biomechanical environment on cells biosynthetic responses. Our review showed that 

there is a lack of multi-level numerical studies in the literature in the field of cartilage TE 

where these levels are linked to each other. Considering the combination of joint-, 

tissue- and cellular-level biomechanical and biological factors involved in the production 

process and responsible for the post-implantation success of TE cartilage, successful 

clinical implantation of engineered tissues is more likely achievable when all multi-level 

critical aspects in play are fairly understood and accounted for. Multi-level computational 

modelling can be helpful to obtain such full understanding for the biomechanical part of 

it. However, computational costs and CPU requirements are among the main limitations 

in conducting multi-level approaches and at the same time use advance descriptive 

material models. For the same reason, it is currently challenging (if not impossible) to 
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conduct kinematic/dynamic simulations using 3D structure of the whole joint including 

meniscus, ligaments, cartilage, bone, interstitial fluids, etc. The entire package is 

however required to answer some relevant questions more accurately. With advances in 

computer hardware and computational tools future studies may direct their effort to 

achieve such package. 

Despite these limitations and challenges, quantification by means of 

computational modelling may be valuable for faster progress in the field of cartilage TE 

as they can provide information on those aspects that are difficult to assess 

experimentally. 
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3.1 Introduction 

Interaction between osmotic swelling pressure and resistance of collagen fibers 

gives cartilage the capacity to withstand high compressive loads. Given the functional 

significance of these biochemical constituents to the mechanical behavior of native 

cartilage, many investigators have been trying to improve mechanical properties of 

cartilage TE constructs by finding optimal cues to increase ECM synthesis (Carver and 

Heath 1999; Vunjak-Novakovic and Martin 1999; Mauck et al. 2002; Mauck et al. 2003; 

Bian et al. 2009; Kock 2012). However, there are apparent inconsistencies in the 

literature regarding the correlation between ECM content and mechanical properties of 

TE constructs. In some tissue engineering studies, a strong dependence of the global 

mechanical stiffness of TE constructs on the amount of either GAG or collagen was 

observed (Carver and Heath 1999; Vunjak-Novakovic and Martin 1999; Mauck et al. 

2002). In a study by Lima et al. (2007), after 28 culture days, constructs with superior 

mechanical properties were achieved with ECM contents that are comparable to other 

studies (Bian et al. 2009). In another study, despite the fact that the bulk content of GAG 

and collagen was similar, loaded constructs were significantly stiffer than free swelling 

constructs (Mauck et al. 2003). This suggests that the content of the biochemical 

composition is not the only factor defining the construct global mechanical properties. 

Mauck et al. (2003) suggested that dynamic loading might result in differences of 

structural organization, cross-links, and size differences for macromolecular 

proteoglycan aggregates. We propose that in addition, part of the discrepancy may arise 

from inhomogeneities in ECM distribution. 

At the tissue scale, matrix content may be higher in the periphery (Fig 3.1.a) due 

to enhanced availability of critical nutrients in the culture medium or because of nutrient 

utilization by peripheral cells (Pei et al. 2002; Kelly and Prendergast 2004; Heywood et 

al. 2004; Sengers et al. 2005; Kelly et al. 2006). At the cell scale, especially in early 

days/weeks of culture, islands of new matrix develop mostly around isolated 

chondrocytes (Fig 3.1.b) (Buschmann et al. 1995;  Quinn et al. 1998).  

While the presence of these inhomogeneities are evident in currently produced 

TE constructs, it is unknown how mechanical properties of TE constructs are altered 

due to such inhomogeneities. Localization of ECM in the construct means concentration 

of PG’s in a smaller area. Given the highly nonlinear relationship between osmotic 

swelling pressure and PG concentration, inhomogeneities in ECM distribution may 
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significantly alter the osmotic swelling pressure distribution in the construct. It is 

unknown how these ECM inhomogeneites at the tissue scale and cell scale translate to 

macroscopic mechanical properties of the construct. 

 

a)                                                            b) 

 

 

Figure 3.1. Inhomogeneities in ECM distribution. Cross section of a cylindrical 

construct with a degraded inner core and ECM (pink) concentration in the construct 

periphery (adopted from Pei et al.(2002) (a), cell scale localization of ECM (green) 

around cells (red) in chondrocyte-agarose constructs (b). The cell scale image was 

kindly provided by Dr. L.M.Kock. 

 

 

Therefore, the aim of the present study was to elucidate the influence of spatial 

ECM distribution at the tissue and cell scale, on the mechanical properties of TE 

cartilage, with specific attention to the role of osmotic swelling pressure. To 

systematically examine the effects of ECM distribution experimentally is difficult, 

because this requires engineering tissues with the same content yet different ECM 

distributions. To do so requires different culture conditions, but these may also affect the 

properties of the ECM, for instance by changing cross-linking density (Mow and Ratcliffe 

1997; Hasler et al. 1999). Therefore, we adopted a numerical approach to isolate the 

effect of the matrix distribution from other factors. 
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3.2 Methods 

3.2.1 Tissue scale model 

Cylindrical chondrocyte-agarose constructs consisting of an inner core and an 

outer layer were modeled as an axisymmetric finite element mesh (Fig 3.2.a). Six 

different cases were considered in which the distribution of ECM was either 

homogeneous (Homog.), or varied in the inner core and the outer layer, while keeping 

total ECM amount constant; case (I): all ECM was limited to the outer layer,  case (II): 

80% ECM was distributed in the outer layer and 20% in the inner core, case (III): 60% 

ECM was distributed in the outer layer and 40% in the inner core, (IV): 50% ECM was 

distributed in the outer layer and 50% in the inner core, (V): 40% ECM was distributed in 

the outer layer and 60% in the inner core. The case (V) was a hypothetical case in 

which concentration of ECM was higher in the inner core of the construct compared to 

the outer layer. This was evaluated to examine whether this type of inhomogeneity can 

possibly improve the mechanical properties of TE cartilage. 

To investigate the dependency of the results to the size of the inner core and the 

amount of ECM, two different inner core sizes and for each inner core size two different 

ECM amounts were considered. The volume of the larger inner core (volume=12.86 

mm
3
) resembled that of the outer layer (volume=12.26 mm

3
). In constructs with small 

inner core size, the volume of the inner core (volume=6.28 mm
3
) was approximately 

one-third that of outer layer (volume=18.84 mm
3
). The exact values of GAG and 

collagen content may depend on culture conditions such as cell seeding densities, 

culture medium or mechanical loading protocol. We selected representative values in 

the range of those suggested in the literature. Collagen and GAG contents were chosen 

to be each 1% or 4% of the wet weight (ww) which were in the range of experimental 

data at early or late stages of cartilage TE culture, respectively (Mauck et al. 2003; Kelly 

et al. 2006; Bian et al. 2010).  

Unconfined compression is a common experimental test to measure the 

compressive stiffness of cartilage TE constructs. For example, Mauck and associates 

(2003) performed unconfined compression tests to evaluate the stiffness of their 

constructs. To simulate these tests, our finite element simulations consisted of a free-

swelling step followed by a creep step under a tare load of 0.02 N, followed by a stress 

relaxation test with a ramp displacement to 10% strain, based on the measured post-
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creep thickness, which was kept constant for 2000 second to reach equilibrium. The 

compressive Young’s modulus was determined from the equilibrium response of the 

stress-relaxation test by dividing the equilibrium stress (minus the tare stress) by the 

applied strain. Compression was applied by an impermeable plate, which was 

connected to the top surface by frictionless contact. The displacements of the nodes at 

the symmetry axis were confined in radial direction. The nodes on the sample lateral 

edge were prescribed to zero pore pressure to simulate free fluid flow. There was no 

boundary condition prescribed between the inner core and the outer layer. The finite 

element mesh for the entire construct was considered as one part and only ECM 

concentration was allocated for each node depending on whether this node was located 

in the outer layer or in the inner core. 

 

3.2.2 Cell scale model 

Representative volume elements (RVE’s) were considered in which five cell-

ECM inclusions were embedded in a surrounding matrix (Fig 3.2.b). By comparing 

several simulations with randomly located inclusions, we found that the exact location of 

the inclusions did not change the results. The arrangement with 5 inclusions that was 

used for all simulations presented in the manuscript contained 2 touching inclusions and 

1 inclusion close to the edge of the model.  

ECM distribution was varied between localized in the pericellular area and 

distributed throughout the surrounding matrix, while keeping total ECM amount 

constant. Compared to the case in which ECM was homogeneous distributed all over 

the surrounding matrix in the RVE, six different cases were considered in which the 

ECM distribution was varied between localized in the pericellular area and distributed 

throughout the surrounding matrix, while keeping total ECM amount constant. In case (I) 

all ECM was localized in the inclusion and the surrounding matrix contained only 

agarose gel. In cases (II), (III), (IV) and (V) 20%, 40%, 60% and 80% of the ECM was in 

the surrounding matrix, respectively. Since the volume of the inclusions compared to 

that of the surrounding matrix was much lower, in all cases the concentration of ECM 

was higher near the chondrocytes. In case (VI), where 90% of the ECM was in the 

surrounding matrix, the ECM distribution was close to the homogenous case. Collagen 

and GAG contents were chosen to be 1% ww. 
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a) 

 

 

 

 

 

 

 

 

 

 

 

 

 b) 

 

 

 

Figure 3.2. Axisymmetric tissue-scale finite element mesh of a cylindrical TE 

construct consisting of an inner core and an outer layer (a), 3D cell-scale finite element 

mesh; a cubic representative volume with cell-ECM inclusions embedded in a 

surrounding matrix (b). 

 

Five inclusions modeled in the representative volumes with dimension of 

200×200×200 µm
3
. Each inclusion consisted of a cell with diameter of 10 µm (Sengers 
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et al. 2004; Guilak and Mow 2000; Lee et al. 2000) surrounded by a pericellular area. 

Bottom nodes were confined in the vertical direction. Assuming that no bulging occurs at 

the lateral edges of the cube, the nodes on the edges were tied such that they stayed 

on a straight line. Simulations consisted of a free swelling equilibrium step followed by a 

10% ramp compression on the top surface of the cube which was kept constant for 

2000 seconds to reach equilibrium. Compression was applied by an impermeable plate, 

frictionless connected to the top surface. 

 

3.2.3 Material Model 

To model cartilage TE construct material, a composition-based fibril-reinforced 

poro-elastic swelling model was used which consisted of a fluid phase and a porous 

solid matrix with swelling properties. The porous matrix of the biphasic tissue consisted 

of a swelling non-fibrillar ground substance, which contains mainly PG’s and agarose 

ground substance, and a fibrillar part representing the collagen network (Wilson et al. 

2004-2007). The material model was implemented in ABAQUS (v6.9, Pawtucket, RI, 

USA). The mechanical behavior of the material model was the direct consequence of 

the composition (fluid fraction, solid matrix fraction and fixed charge density) of the 

tissue. 

 

3.2.3.1 Total stress 

The governing stress equation of Wilson et al. (2007) was adjusted such that 

the agorose could be included as a separate constituent. The resulting governing stress 

equation was: 

                                                                                                      

(3.1)                               

 

where μ
f 
was the water chemical potential, I the unit tensor, ns,0 the initial solid volume 

fraction with respect to the total initial volume in the unloaded and non-swollen state, 

nagr the volume fraction of the agarose ground substance with respect to the total solid 

volume, σagr the stress in the agarose ground substance, σpgm the stress in the non-
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fibrillar PG’s matrix,
i

colσ the fibril stress in the ith fibril direction, n
i
col the volume fraction 

of the collagen fibrils with respect to the total solid volume, i denonated the number of 

the fibril compartment and totf the total number of the fibrils. Δπ was the osmotic 

pressure gradient. 

 

3.2.3.2 Non-fibrillar PG’s matrix and agarose gel 

For the non-fibrillar PG’s matrix, a compressible Neo-Hookean model was used 

of which the compressibility was dependent on the solid fraction (Wilson et al. 2007): 

 

   

(3.2) 

 

where Gm was the shear modulus of the solid matrix in the biphasic non-fibrillar PG’s 

matrix and J was the determinant of the deformation gradient tensor .F  This 

constitutive equation accounted for the effects of the changes in the compressibility of 

the porous PG matrix when fluid is expelled during deformation. This model was 

developed by Wilson et al. (2007) based on the concept that the Poison’s ratio of a 

porous material depends on the ratio of the initial solid fraction to the volumetric 

deformation (ns,0/J) and that if all fluid is expelled, the solid fraction has become one 

which means the entire matrix should have become incompressible. 

The same equation was used for agarose gel and shear modulus Gm was replaced by 

the shear modulus of the solid matrix in the biphasic agarose ground substance Gagr. 

 

3.2.4 Collagen fibers network; material model and architecture 

The 2nd Piola-Kirchhoff stress tensor for collagen was given by (Wilson et al. 

2006-2007): 

0,0, colcolcolcol eeS


S                                                                                                    (3.3) 
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(3.4) 

 

where λ was the elongation of the fibril and Pcol the 1
st
 Piola-Kirchhoff stress. The total 

Cauchy stress expressed as a function of the deformed state was given by: 

                                  

                                    

(3.5) 

where cole


  was the current fibril direction. The 1
st
 Piola Kirchhoff fibril stress was given 

by: 

                                                                              

(3.6)  

                                                                                                                

 

with E1 and k1 positive material constants and f
 the total fibril logarithmic strain. For 

more details on the fiber material model, the reader is referred to Wilson et al. (2004-

2007). 

At each integration point 13 fibers were included; 3 running in the directions of 

the orthogonal axis, 6 running in directions between those axes with 45 degrees from 

each of the two orthogonal axis in each plane and 4 running in the spatial direction 

between the orthogonal axes with 60 degrees from each axis (Wilson et al. 2004). This 

configuration of the collagen fibers was used to implement a quasi-isotropic description 

of the collagen fibers which represented a random orientation of the collagen fibers in 

cartilage TE constructs. 

 

3.2.4.1 Osmotic swelling pressure 

The osmotic pressure gradient as a result of the fixed negative charge 

concentration in PG’s was given by (Huyghe and Janssen 1997; Huyghe et al. 2003):  
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                                       (3.7) 

 

The external salt concentration (cext) was 0.15 M, the temperature (T) 310 K and 

the gas constant (R) 8.3145 N m/mmol. Effective fixed charge density exfFc ,  based on 

the extra-fibrillar fluid fraction was given by: 

                                                                                                                 

(3.8) 

 

with nf  the total fluid fraction, nexf  the extra-fibrillar fluid fraction and cF the normal fixed 

charge density in mEq per ml total fluid. Fixed charge density cF was expressed as a 

function of the tissue deformation, as: 

 

                                                                              (3.9) 

where nf,0 was the initial fluid fraction and cF,0 the initial fixed charge density. Further 

details about determining the extrafibrillar fluid fraction, osmotic (α) and activity 

coefficients (γα) can be found in Wilson et al. (2006). 

 

3.2.4.2 Input parameters 

The unknowns in the material model were Gm, Gagr, E1, k1,  ncol , ns,0, nagr, nf,0 and 

cF,0. The material constants for non-fibrillar PG’s matrix and collagen fibers were 

Gm=0.903 MPa, E1=4.316 MPa, k1=16.85 (Wilson et al. 2006-2007). For the shear 

modulus of the solid matrix in agarose biphasic ground substance, Gagr=0.35 MPa was 

used which was based on a pilot simulation where Gagr was manually fitted in an 

unconfined compression test so that the agarose biphasic gel had an overall Young’s 

modulus of 15 kPa (Mauck et al. 2003b). In the cell scale model, cells were considered 

to be biphasic with an aggregate modulus of 1 kPa, a Poison ration of 0.4 and a solid 

fraction of 0.17 (Jones et al. 1999; Guilak and Mow 2000; Sengers et al. 2004). For 

calculating the collagen volume fraction ncol with respect to the total solid volume  sV  in 
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a construct with initial total volume 0,totV  and total mass totm , collagen volume colV  

was calculated as: 

                         (3.10)             

 

 

with 
col  collagen wet weight fraction, 

tot
 
construct mass density, 

colm  collagen mass 

and col  collagen mass density. Mass density of collagen and GAG was assumed to be 

1.4 mg/mm
3
 (Basser et al. 1998; Shapiro et al. 2001; Wilson et al. 2007). Mass density 

of the construct was assumed to be 1.02 mg/mm
3
 (Kelly et al. 2006). For simplicity, 

GAG wet weight fraction was chosen to be the same as that of collagen 

  colGAG
 and therefore 

GAGcol mm   and  
colGAG VV  .

                           
 

Total solid volume sV  was calculated as:  

(3.11)                                                                                                  

 

where 
agrV was volume of the solid agarose gel in the construct which was assumed to 

be 2% of the total initial volume of the construct. Assuming biphasic saturation, initial 

fluid volume and fluid fraction was given as: 

                                                                                                                                                                                                    

 

(3.12)

 

 

Initial solid fraction ns,0  with respect to total initial volume was then calculated as: 

  (3.13) 

Collagen fraction and agarose fraction with respect to total solid matrix volume 

sV was calculated as:  
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                                                                              (3.14)                                                                                                       

 

                                                                         

 

 

 

To calculate initial fixed charge density it was assumed that GAGs contained 

77%  chondroitin sulfate (CS) and 23% keratan sulfate (KS) (Narmoneva et a. 1999). 

Initial fixed charge density was then calculated as: 

(3.15) 

 

with valencies CSz =2 (mEq/mmol) and 
KSz =1 (mEq/mmol) and molecular weights 

CSMW =0.513 (g/mmol) and 
KSMW =0.464 (g/mmol) (Narmoneva et a. 1999). 

Input parameters calculated for evaluated cases are presented in Table 3.1-3.5. 

 

Table 3.1. Input parameters ncol, nagr, ns,0 and cF,0 calculated for the cases with 

big inner core size (i.e. inner core volume equal to that of outer layer) and low ECM 

content )01.0(  .  

  Outer Layer Inner Core 

ECM% ncol nagr ns,0 cF,0 ECM% ncol nagr ns,0 cF,0 

Homog. 
- 0.21 0.581 0.034 0.036 - 0.21 0.581 0.034 0.036 

(I) 
(100%) 0.298 0.404 0.049 0.075 (100%) 0 1 0.02 0 

(II) 
(80%) 0.271 0.458 0.043 0.059 (80%) 0.11 0.78 0.025 0.014 

(III) 
(60%) 0.235 0.53 0.037 0.044 (60%) 0.18 0.64 0.031 0.028 

(IV) 
(50%) 0.213 0.575 0.035 0.037 (50%) 0.204 0.591 0.035 0.035 

(V) 
(40%) 0.186 0.628 0.032 0.029 (40%) 0.297 0.406 0.037 0.042 
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 Table 3.2. Input parameters ncol, nagr, ns,0 and cF,0 calculated for the cases with 

big inner core size and high ECM content ).04.0(   

  Outer Layer Inner Core 

ECM% ncol nagr ns,0 cF,0 ECM% ncol nagr ns,0 cF,0 

Homog. 
- 0.371 0.257 0.077 0.15 - 0.371 0.257 0.077 0.15 

(I) 
(100%) 0.427 0.146 0.137 0.329 (100%) 0 1 0.02 0 

(II) 
(80%) 0.413 0.174 0.114 0.256 (80%) 0.265 0.47 0.042 0.056 

(III) 
(60%) 0.39 0.22 0.09 0.187 (60%) 0.346 0.307 0.064 0.116 

(IV) 
(50%) 0.374 0.253 0.078 0.154 (50%) 0.369 0.262 0.076 0.146 

(V) 
(40%) 0.351 0.297 0.067 0.122 (40%) 0.386 0.228 0.087 0.178 

 

 

 

Table 3.3. Input parameters ncol, nagr, ns,0 and cF,0 calculated for the cases with 

small inner core size (i.e. inner core volume one-third that of outer layer) and low ECM 

content )01.0(  . 

  Outer Layer Inner Core 

ECM% ncol nagr ns,0 cF,0 ECM% ncol nagr ns,0 cF,0 

Homog. 
- 0.21 0.581 0.034 0.036 - 0.21 0.581 0.034 0.036 

(I) 
(100%) 0.245 0.51 0.039 0.048 (100%) 0 1 0.02 0 

(II) 
(80%) 0.217 0.565 0.035 0.038 (80%) 0.183 0.634 0.031 0.029 

(III) 
(60%) 0.183 0.634 0.031 0.029 (60%) 0.268 0.464 0.043 0.058 

(IV) 
(50%) 0.162 0.675 0.029 0.024 (50%) 0.295 0.409 0.048 0.072 

(V) 
(40%) 0.139 0.722 0.028 0.019 (40%) 0.317 0.366 0.054 0.088 
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Table 3.4. Input parameters ncol, nagr, ns,0 and cF,0 calculated for the cases with 

small inner core size and high ECM content ).04.0(   

  Outer Layer Inner Core 

ECM%
 

ncol nagr ns,0 cF,0 ECM%
 

ncol nagr ns,0 cF,0 

Homog. 
- 0.371 0.257 0.077 0.150 - 0.371 0.257 0.077 0.150 

(I) 
(100%) 0.397 0.206 0.096 0.204 (100%) 0.000 1.000 0.020 0.000 

(II) 
(80%) 0.377 0.245 0.081 0.161 (80%) 0.349 0.302 0.066 0.119 

(III) 
(60%) 0.349 0.302 0.066 0.119 (60%) 0.411 0.178 0.111 0.249 

(IV) 
(50%) 0.329 0.342 0.058 0.098 (50%) 0.426 0.148 0.134 0.320 

(V) 
(40%) 0.303 0.394 0.050 0.078 (40%) 0.437 0.126 0.157 0.394 

 

 

 

Table 3.5. Input parameters ncol, nagr, nf,0 and cF,0 for the cell scale model. 

Compared to the case (Homog.) in which ECM was homogeneous distributed all over 

the representative volume, six different cases (I-VI) were considered in which ECM 

distribution was varied between localized in the pericellular area and distributed 

throughout the surrounding matrix, while keeping total ECM amount constant.  

  Pericellular area  Surrounding matrix 

ECM%
 

ncol nagr ns,0 cF,0 ECM%
 

ncol nagr ns,0 cF,0 

Homog. 
- 0.210 0.581 0.034 0.036 - 0.210 0.581 0.034 0.036 

(I) 
(100%) 0.456 0.089 0.223 0.633 (100%) 0.000 1.000 0.020 0.000 

(II) 
(80%) 0.446 0.109 0.182 0.481 (80%) 0.067 0.866 0.023 0.008 

(III) 
(60%) 0.430 0.140 0.142 0.344 (60%) 0.119 0.763 0.026 0.015 

(IV) 
(40%) 0.402 0.196 0.101 0.219 (40%) 0.159 0.682 0.029 0.023 

(V) 
(20%) 0.336 0.328 0.060 0.105 (20%) 0.192 0.617 0.0332 0.031 

(VI) 
(10%) 0.253 0.494 0.034 0.051 (10%) 0.206 0.589 0.034 0.003 
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3.3 Results 

3.3.1 Tissue scale 

Results indicated that with low ECM content (Fig 3.3), in the construct with the 

large inner core, dispersion of the ECM towards the inner core resulted in less than 10% 

reduction in the Young’s modulus of the construct (Figure 3.3.a) compared to that of a 

construct with homogeneous ECM distribution (68 kPa). In constructs with a small inner 

core, dispersion of up to 40% ECM towards the inner core resulted in a reduction of less 

than 10% in the Young’s modulus (Figure 3.3.c.I-III). With 50% and 60% ECM 

dispersion, reduction in the construct stiffness was 18% and 25%, respectively (Fig 

3.3.c.IV-V). 

With a low amount of ECM, osmotic swelling pressure was varied in the range of 

0-27 kPa, depending on the ECM distribution and the size of the inner core. With a large 

inner core, localization of the ECM at the construct periphery resulted in an osmotic 

pressure of 22 kPa in the periphery (Fig 3.3.b.I). With dispersed ECM, the density of the 

fixed charges was also more dispersed, resulting in a near-homogeneous osmotic 

pressure of 10 kPa  (Fig 3.3.b.IV). In contrast, with a small inner core, the same amount 

of ECM in the inner core increases the density of the fixed charges and consequently 

the osmotic pressure (Fig 3.3.d). In this case, with only 20% of ECM dispersion (Fig 

3.3.d.II), the osmotic swelling pressure was already close to the homogeneous case. 

When ECM content in the inner core increased further, osmotic pressure increased in 

the inner core and decreased in the outer layer (Fig 3.3.d.III-V). When 60% of the ECM 

was concentrated in the inner core, the osmotic swelling pressure in the construct 

increased up to 27 kPa. However, this elevation in osmotic swelling pressure did not 

increase the Young’s modulus (Fig 3.3.a-V).  

With high ECM content (Fig 3.4), localization of ECM in the outer layer of the 

construct with large inner core (Fig 3.4.a.I) caused an elevation of osmotic pressure up 

to 200 kPa. However, the Young’s modulus was 32% lower than that of the construct 

with homogeneous ECM distribution (366 kPa). More equal ECM distribution resulted in 

more homogeneous osmotic pressure (Fig 3.4.b.II-IV), which increased the Young’s 

modulus (Fig 3.4.a.II-IV). When more ECM was located in the inner core than in the 

outer layer, the Young’s modulus decreased again (case V). 
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With small inner core size, localization of the ECM at the periphery of the 

construct decreased the Young’s modulus by less than 10% (Fig 3.4.c.I). 20% ECM 

dispersion increased the Young’s modulus slightly (Fig 3.4.c.II). With 60% ECM 

dispersion towards the inner core, the osmotic pressure in the inner core was elevated 

up to 260 kPa (Fig 3.4.d.V). However, the Young’s modulus was decreased by 47% (Fig 

3.4.c.V).  

 

Figure 3.3. Normalized Young’s modulus and osmotic swelling pressure for 

constructs with low ECM content, big inner core size (a-b) and small inner core size (c-

d), with homogeneous (Homog.) and inhomogeneous (I-V) ECM distributions. Young’s 

moduli were normalized to the Young’s modulus of the construct with homogeneous 

ECM distribution. 

 

a)                                b) 

c)                                  d) 
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 Figure 3.4. Normalized Young’s modulus and osmotic swelling pressure for 

constructs with high ECM content, big inner core size (a-b) and small inner core size (c-

d), with homogeneous (Homog.) and inhomogeneous (I-V) ECM distributions. Young’s 

moduli were normalized to the Young’s modulus of the construct with homogeneous 

ECM distribution. 

 

3.3.2 Cell scale 

Results indicated that localization of ECM around the cells and absence of ECM 

and osmotic swelling pressure in the surrounding matrix caused significant (80%) 

reduction in Young’s modulus (Fig 3.5.a.I) compared to the case where ECM was 

homogeneously distributed in the surrounding matrix. With the same ECM content, 

dispersion of ECM from pericellular area towards the surrounding matrix gradually 

a)                                  b) 

 c)                                   d) 
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increased the Young’s modulus (Fig 3.5.a.I-VI). The correlation between the ECM 

dispersion and Young’s modulus enhancements was almost linear; with steps of 20% 

ECM dispersion towards the surrounding matrix, up to 20% increase was observed in 

Young’s modulus. This increase in Young’s modulus corresponded to an increase in the 

osmotic swelling pressure in the surrounding matrix (Fig 3.5.b.I-VI). It should be noted 

that in case I (Fig 3.5.b), all the GAG content was assumed to be localized around the 

cells and there were no GAG’s in the surrounding matrix. Therefore, the osmotic 

swelling pressure in the surrounding matrix was zero.  

 

Figure 3.5. Normalized Young’s modulus (a) and normalized osmotic swelling 

pressure in the surrounding matrix (b) in the cell scale model with different ECM 

distribution (I-VI). 

 

 

3.4 Discussion 

Generally, cartilage TE studies aim to increase the ECM content, as this is 

thought to determine the load-bearing properties of the cartilage. However, in addition to 

the amount of ECM, the spatial inhomogeneities in ECM distribution may affect the 

mechanical properties of TE cartilage. Such inhomogeneities at the tissue and cell scale 

have been reported (Pei et al. 2002; Kelly et al. 2006; Buschmann et al. 1995; Quinn et 

al. 1998). This study theoretically explored the influence of these tissue and cell scale 

inhomogeneities on the mechanical behavior of chondrocyte-agarose TE constructs, 

a)                                                     b) 
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showing that both the cell scale and tissue scale matrix distribution alter the overall 

stiffness and swelling pressure of cartilage tissue engineering constructs, with cell scale 

effects being more pronounced even with low amount of ECM. At the tissue scale, with 

1% GAG and 1% collagen or 4% GAG and 4% collagen, compared to the homogenous 

case, localization of ECM in the construct periphery or in the inner core both reduced 

construct stiffness. The significance of these effects increased with increasing ECM 

content. When the inner core was large, more ECM was needed to be dispersed 

towards the inner core to achieve a significant increase in the Young’s modulus of the 

construct. In comparison, when the inner core was small, localization of the ECM in the 

construct periphery was less critical for the stiffness of the construct. 

In the homogeneous case at the tissue scale, when ECM content increased 4 

times, the Young’s modulus increased more than 4 times (from 68 kPa to 366 kPa), 

showing a nonlinear relationship between ECM content and Young’s modulus. This 

nonlinearity originated from the inherent nonlinear relationship between fixed charge 

density and osmotic pressure, the biological nonlinear mechanical behavior of the 

collagen fibers, and the interaction between collagen strain and fixed charge density.  

Homogeneous constructs show superior mechanical properties, because 

inhomogeneity is associated with the presence of soft, matrix-poor, and stiff, matrix-rich 

regions with high swelling pressure. Under compression, weaker regions deform most, 

whereas stiff regions hardly deform. Thus, construct deformation, and therefore 

construct apparent stiffness, is determined predominantly by the softer regions. 

Enhancing the stiffness of matrix-poor regions implies that matrix distribution becomes 

more homogeneous. 

The constitutive material model that we used has previously been validated for 

mature cartilage (Wilson et al. 2004-2007). This has provided the material properties for 

GAG and collagen that we used in the present study. For full quantitative validation of 

the proposed tissue development model, the ECM distribution at the tissue- and cell-

level of the constructs should be corroborated to experimental data under various 

conditions. Also, internal tissue deformations and distributions of osmotic swelling 

pressure would be valuable. Unfortunately, availability of such quantitative data is 

insufficient to perform quantitative validation. Qualitatively, however, the predicted 

Young’s moduli for evaluated constructs are in the range of those achieved in 

experimental measurements (Mauck et al. 2002; Mauck et al 2003; Kelly et al. 2006; 

Bian et al. 2010). Therefore, we believe that our model was sufficient for exploring the 
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influence of the distribution of ECM in cartilage TE constructs. Furthermore, 

experiments have shown that impeding matrix distribution due to an increased density 

of hydrogel scaffolds (Bryant et al. 2002; Erickson et al. 2009) resulted in constructs 

with lower mechanical properties of TE constructs (Erickson et al. 2009). Also, in 

cultures with low agarose concentrations, constructs with homogeneously distributed 

matrix were stiffer than those with more, but less homogeneously distributed matrix 

(Kock 2012). Such data provide support for the finding of the present study that 

constructs with distributed matrix behave stiffer.  

Dynamic compressive loading is one of the cues that enhance mechanical 

properties of TE cartilage. One of the proposed mechanisms is that ECM may be 

distributed by compression induced fluid flow (Mauck et al. 2003b). Our study supports 

this speculation, by showing that better distribution of ECM components enhances the 

properties of TE constructs.  

For interpretation of our results, it is important not to confuse osmotic fluid 

pressure with hydrostatic fluid pressure. The latter is zero in equilibrium both in the inner 

and the outer core. The osmotic pressure, however, depends on the density of fixed 

charges, i.e. on the concentration of GAG’s. This concentration may be different in the 

inner core and the outer layer. In addition, it will increase when the tissue is loaded and 

water is expelled. The difference in material properties between the inner core and outer 

layer may enhance existing differences in osmotic pressure between the inner and outer 

regions during compression. Indeed, when ECM is distributed, the concentration of 

GAG’s is homogeneous and the osmotic pressure is also homogeneous. 

In our simulations, we assumed that PG and collagen synthesis occur at the 

same time and do not interact. Different synthesis rates of PG's compared to that of 

collagen may lead to changes in the mechanical properties of TE constructs (Bian et al. 

2009; Khoshgoftar et al. 2012). Future studies may explore temporal effects of matrix 

synthesis experimentally or by using growth models in which the gradual deposition of 

ECM components is accounted for. The primary objective of this study was not to show 

the effect of different synthesis rates, but to explore the effect of matrix distribution on 

the functional properties of TE cartilage constructs. 

In our simulations, choices for matrix content, cell numbers, sizes of the 

pericellular area and the inner core, boundary conditions and ECM-related properties 

were made. We evaluated these choices to determine whether they would affect our 
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conclusions. Combinations of different amounts of GAG and collagen changes the 

results quantitatively, but not qualitatively. Therefore, we chose to use the same 

contents and distributions for GAG and collagen for easier interpretation of the results. 

At the cell scale, different numbers of cells with different distributions and pericellular 

sizes did not change the general trend of the results and conclusion of the study (data 

not shown). Therefore, the size of the pericellular area and the number of cells were 

arbitrarily chosen. In the cell-scale model, we fulfilled the requirement that the 

deformation of opposing edges of an RVE was the same (Kouznetsova et al. 2001; 

Breuls et al. 2002; Sengers et al. 2004) by assuming that at the lateral boundaries of our 

RVE no bulging occurred. By this boundary condition, the deformation of the RVE was 

more rigid than with deformable periodic boundary conditions. Consequently, the 

stiffness of the RVE was slightly overestimated in our approach. However, since for all 

the simulations the same boundary conditions were used, we believe that the effect of 

our choice for the boundary condition would not change the trend of the results and the 

conclusion of the study. Finally, for our fibers we chose to include a simple, quasi-

isotropic orientation, because we have no data to suggest that this would be otherwise 

in the constructs that we explored in our simulations. Other matrix-related effects that 

have been speculated to occur during TE include formation of larger proteoglycan 

aggregates, better structural organization of components, and/or improved cross-linking 

of collagen fibers. Although some of these effects could in principle be taken into 

account by modulating material properties, we did not do that because it would distract 

from the present objective to explore the effect of matrix distribution. 

Few numerical modeling studies have addressed the role of ECM distribution on 

the mechanical behavior of cell seeded polymer constructs for tissue engineering (Kelly 

and Prendergast 2004; Sengers et al. 2004). At the tissue scale, a poro-elastic finite 

element model was used to demonstrate that a slow-growing core containing lower 

amounts of ECM in cartilage TE constructs decreases the reaction force obtained from 

a confined compression test (Kelly and Prendergast 2004). This is consistent with our 

study, showing the importance of structural inhomogeneities on the mechanical 

properties of TE constructs. Our study provided further insights into the effects of 

inhomogeneous osmotic swelling pressure distribution, ECM content at different stages 

of the TE process and the relative importance of cell-scale inhomogenities on 

mechanical performance of TE cartilage. At the cell scale, Sengers et al. (2004) adopted 

a two-dimensional computational homogenization approach to investigate the effect of 
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microscopic matrix distribution on the aggregate modulus of cartilage TE constructs. 

They concluded that the evolution of the global aggregate modulus of tissue engineered 

cartilage constructs is to a large extent insensitive to the microscopic matrix distribution, 

as long as the matrix was reasonably distributed. Although qualitatively similar, the 

effect of matrix distribution at the cell scale in our study is more pronounced. Likely, this 

is the result of the contribution of osmotic swelling, which was previously neglected 

(Sengers et al. 2004; van Donkelaar et al. 2011). 

 

3.5 Conclusion 

Using a numerical model, we quantitatively showed the importance of the ECM 

distribution for the compressive stiffness of cartilage TE constructs. Both cell and tissue 

scale inhomogeneities in ECM distribution were found to reduce the overall mechanical 

stiffness of cartilage TE constructs, with cell scale effects being more pronounced. Local 

concentration of high osmotic swelling pressure in the construct does not compensate 

for the reduction in stiffness caused by structural inhomogeneities. With the same total 

amount of ECM, if the distribution of ECM and osmotic swelling pressure is more 

homogeneous at the tissue and cell scale, the compressive stiffness of TE constructs is 

increased. The significance of these effects increases with higher amount of ECM. We 

conclude that TE studies should consider local and global matrix distribution as an 

important factor rather than reporting only qualitative histological data or quantitative 

data on a volume averaged basis. 
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Donkelaar CC (2012) The effects of matrix inhomogeneities on mechanostimulation of 

tissue-engineered cartilage. Submitted 
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4.1 Introduction 

Extracellular matrix (ECM) synthesis and metabolic activity of chondrocytes can 

be enhanced by subjecting these cells to appropriate mechanical triggers (Shieh and 

Athanasiou 2003; Lee et al. 2006; Lammi 2007; Buschmann et al. 1999; Mow et al. 

2002; Buckwalter et al. 2004). Dynamic compressive loading at moderate levels (2-10% 

strain (Sah et al. 1989; Wong et al. 1999) or 0.5-1.0 MPa pressure (Steinmeyer et al. 

1997; Parkkinen et al. 1993)) and physiological frequencies (0.01 to 1.0 Hz) stimulates 

the biosynthesis of collagen (Sah et al. 1989) and proteoglycan (Wong et al. 1999; 

Steinmeyer et al. 1997; Parkkinen et al. 1993). There are experimental observations 

showing that the efficacy of such mechanical stimuli is high in the first weeks of TE, but 

the beneficial effect of mechanical stimulation gradually declines with ongoing time of 

culture (Mauck et al. 2002; Mauck et al. 2003b). 

We postulate that this phenomenon occurs because the mechanical stimuli that 

reach the cells change as a consequence of the development of ECM in the constructs 

and around the cells. Initially after seeding chondrocytes in commonly used scaffold 

materials such as agarose or alginate, there is no ECM and the mechanical properties 

of the extracellular environment are rather uniform (Knight et al. 1998). During the first 

days of culture, islands of new matrix develop around chondrocytes, which later grow 

out to larger aggregates (Buschmann et al. 1995; Quinn et al. 2002; Kock 2012). In 

addition to the consequent local, cell-level differences in ECM density, tissue level non-

homogeneites in ECM distribution develop. Matrix content in the periphery of TE 

cartilage constructs are generally higher than in the center, at least partly as a 

consequence of spatial variations in nutrition (see review by Sengers et al. 2007; 

Heywood et al. 2004; Kelly et al. 2006).  

As a consequence of these temporal and spatial variations in matrix content, the 

cells are likely to receive different physical signals depending on their location and stage 

of culture. Thus, theoretically, if the same external mechanical loading is applied on the 

construct throughout the duration of culture, the cells will receive different stimuli over 

time. Consequently, if the chondrocytes are to be stimulated similarly throughout the 

culture time, the loading regime will have to be adjusted over time. However, even 

though in principle that would be possible, this is not current practice (Mauck et al. 2000; 

Davisson et al. 2002; Mauck et al. 2003b; Kelly et al. 2006; Lima et al. 2007; Bian et al. 

2009). The main reason for keeping mechanical stimulation constant over time is that it 
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is unknown to what extend we need to change them. Before we can determine this, we 

require quantitative insight into the consequence of ECM development for 

mechanotransduction of externally applied strains down to the chondrocyte level. The 

significance of these questions is clear from studies showing that even modest 

variations in mechanical loading may have significant effects on ECM synthesis by 

chondrocytes and other cells (Wang and Thampatty 2006; Lee et al. 1999; Kisiday et al. 

2004; Waldman et al. 2004; Mauck et al. 2003b).  

The aim of the present study is therefore to quantify the influence of tissue and 

cell scale ECM distribution on the mechanical stimuli received by cells in TE constructs 

during unconfined compression. This ultimately reveals the importance of dynamically 

adjusting loading regimes during cartilage TE.  

To quantify the effect of local and global variations in ECM content on the 

stresses and strains received by chondrocytes is experimentally challenging. A 

numerical approach enables to isolate effects of matrix density and distribution from 

biasing factors such as nutrition (Heywood et al. 2004; Kelly et al. 2006) and fiber 

crosslinking (Hasler et al. 1999; Mow and Ratcliffe 1997). To perform such numerical 

evaluation requires mimicking the mechanical state of the ECM in the engineered 

cartilage, including effects of osmotic swelling by proteoglycans and the consequent 

straining of collagen. In fact, TE constructs are commonly exposed to dynamic 

mechanical loading for only a number of hours per day, and are otherwise kept under 

free swelling conditions (Mauck et al. 2000; Mauck et al. 2003b; Kelly et al. 2006). 

During the latter period, constructs may expand as a consequence of tissue synthesis 

and osmotic swelling by proteoglycans. When investigating the mechanical effect of 

ECM inhomogeneities on stimuli at the cell level, the effects of this swelling period may 

be essential to account for because they change the pre-strain in the tissue. Therefore, 

the present study accommodated for the role of osmotic swelling pressure in 

relationship with the ECM distributions. 
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4.2 Methods 

4.2.1 Tissue scale model 

Cylindrical chondrocyte-agarose constructs (R=2 mm and H=2 mm) consisting of 

an inner core and an outer layer (r=1.26 mm and h=1.26 mm) were modeled as an 

axisymmetric finite element mesh. First, a construct with 2% agarose and no ECM was 

considered. This case was then compared to three different cases in which the 

distribution of ECM was either localized in the outer layer, 60% ECM in the outer layer 

and 40% ECM in the inner core, or homogeneously distributed all over the construct, 

respectively, while keeping total ECM amount constant. The displacements of the 

boundary nodes at the symmetry axis were confined in radial direction. The nodes on 

the sample lateral edge were prescribed to zero pore pressure to simulate free fluid 

flow. Bottom nodes were confined in vertical direction. Simulations consisted of a free 

swelling equilibrium step followed by a 10% ramp unconfined compression by an 

impermeable plate, applied in 0.5 seconds to simulate maximum loading during a 1 Hz 

dynamic compression regime. 

 

4.2.2 Cell scale model 

Representative three-dimensional cubic volumes (200x200x200 µm
3
) of 

chondrocytes in 2% agarose constructs containing 5 randomly located cell-ECM 

inclusions were simulated. To investigate the role of ECM distribution, three different 

cases were considered in which the distribution of ECM was either localized in 

pericellular area, 60% ECM in pericellular area and 40% ECM in the surrounding matrix, 

or ECM was homogeneously distributed, respectively, while keeping total ECM amount 

constant. Cell diameter was set to 10 µm (Sengers et al. 2004; Guilak and Mow 2000; 

Lee et al. 2000). Idealizing the tissue as a periodic arrangement of the representative 

cubes (Kim et al. 2008; Sengers et al. 2004; Breuls et al. 2002; Kouznetsova et al. 

2001), the lateral edges of the cubes were forced to remain straight during the 

deformation process. Bottom nodes were confined in vertical direction. Simulations 

consisted of a free swelling equilibrium step followed by a 10% ramp unconfined 

compression by an impermeable plate on the top surface of the cubes, applied in 0.5 

seconds to simulate maximum loading during 1 Hz dynamic compression. In addition to 

a stress-strain analysis, the cell deformation index was calculated by dividing the 
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dimensions of cell parallel to the axis of compression by that perpendicular to this axis 

(Lee and Bader 1995). 

 

4.2.3 Material model 

In the previous chapter, the equilibrium behavior of the cartilage TE constructs 

were addressed and therefore the viscoelasticity of the collagen fibers was not 

accounted for. To capture the nonlinear strain-dependent viscoelastic behaviour of 

collagen fibers, here, the mechanical behavior of the fibers were represented by two 

parallel nonlinear springs, P1 and P2, and a dashpot with damping coefficient η in series 

with P2. For the springs, two-parameter exponential stress-strain relationship (Wilson et 

al. 2006): 

 

                                                                       

(4.1) 

                                                                           

 

 

(4.2) 

 

 

with E1, E2, k1 and k2 positive material constants and 
 

col the total fibril logarithmic strain 

and 
e  the logarithmic strain in the spring P2. 

The total fibril stress was given by:  

                                                                                   

(4.3) 

 

The time derivative of the fibril strain was given by: 
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Due to deformation, the surface associated with a fibril changes. To include this, 

the fibril stress was expressed with reference to its original state. The 2
nd

 Piola-Kirchhoff 

stress tensor was given by (Wilson et al. 2006b and 2007): 

                                                                                                   

(4.5) 

where 0,cole


was the initial fibril direction. The 2
nd

 Piola-Kirchhoff stress in the initial fibril 

direction Sf was given by  

                                                                                               

(4.6) 

 

where λ was the elongation of the fibril. The total Cauchy stress (expressed as a 

function of the deformed state) was given by: 

                                    

(4.7)  

 

where col
e  was the current fibril direction and the factor λ/J represents the change in 

surface associated with the fibril. For more details on the fibers material model, the 

reader is referred to (Wilson et al. 2004; Wilson et al. 2006b; Wilson et al. 2007).  

 

4.2.4 Input parameters 

Input parameters ncol , ns,0, nag, and cF,0 were calculated as presented in the 

previous chapter. Overall permeability of the constructs was assumed to be 3.5×10
-13

 

m
4
N

-1
s

-1
 (Sengers et al. 2004). In the cell scale model, cells were considered to be 

biphasic with aggregate modulus of 1 kPa, Poison ratio of 0.4 and permeability of 10
-15

 

m
4
N

-1
s

-1 
(Guilak and Mow 2000; Jones et al. 1999; Sengers et al. 2004).  
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4.3 Results 

4.3.1 Free swelling condition; tissue scale 

In free swelling condition (Fig 4.1.a-d), localization of ECM in the outer layer of 

the construct resulted in elevated osmotic swelling pressure (Fig 4.1.a) in the outer 

layer. This pressure was 33% higher compared to that in the construct with 

homogeneous ECM distribution where osmotic swelling pressure was homogeneous 

with magnitude of 7 kPa. Dispersion of 40% of the ECM from the outer layer towards the 

inner core decreased the osmotic swelling pressure in the outer layer to be comparable 

to that in the homogenous case but it significantly increased the osmotic pressure in the 

inner core up to two-fold that in the homogenous case. As the result of such osmotic 

swelling pressure distributions, highly inhomogeneous stress and strain fields were 

developed in the constructs. Compared to that in the homogeneous case, peak 

volumetric strain was increased by 25% (Fig 4.1.b) and peak deviatoric strain (Fig 4.1.c) 

as well as von Mises stress (Fig 4.1.d) were increased by one order of magnitude. 

 

4.3.2 Loading condition; Tissue scale 

Under 10% unconfined compression (Fig 4.2.a-d), in the absence of ECM, 

agarose experienced homogeneous strain and stress fields with volumetric strain of 

2.5%, deviatoric strain of 5%, von Mises stress of 1.4 kPa, and negligible pore pressure. 

With homogeneous ECM distribution, stress and pore pressure fields showed peak 

values of 100 kPa and 110 kPa, respectively, with higher magnitudes towards the center 

of the construct (Fig 4.2.c-d). Volumetric strain was also one order of magnitude higher 

compared to that in the absence of ECM (Fig 4.2.a-b). Localization of ECM in the outer 

layer of the construct increased peak volumetric strain and deviatoric strain by 120% 

and 70%, respectively (Fig 4.2.a-b). Further, the peak von Mises stress was shifted from 

the center of the construct to the outer layer, with 20% increase in the magnitudes (Fig 

4.2.c). Moreover, the peak pore pressure at the center of the construct was decreased 

from 110 kPa to 37 kPa (Fig 4.2.d). Dispersion of 40% of the ECM from the outer layer 

towards the inner core decreased the peak magnitudes of deviatoric strain and von 

Mises stress and resulted in a more similar distribution of strains and stresses to that in 

the construct with homogeneous ECM distribution (Fig 4.2.b and 4.2.c). However, 
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volumetric strain (Fig 4.2.a) was elevated in the inner core with peak magnitudes 30% 

higher than that in the homogeneous case.  

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

Figure 4.1. Tissue scale osmotic swelling pressure (a) volumetric and deviatoric 

strain (b-c) and  Mises stress (d) in free swelling condition. 

 

 

4.3.3 Free swelling condition; cell scale 

At cell scale, in free swelling condition (Fig 4.3.a-c), localization of ECM in the 

pericellular area resulted in considerable elevation of osmotic swelling pressure (Fig 

a)  

b)  
  

c)  
  

d)  
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4.3.a) with magnitude of 490 kPa around the cells which was two orders of magnitudes 

higher compared to that in construct with homogeneous ECM distribution where osmotic 

swelling pressure was homogeneous distribution with magnitude of 7 kPa. Dispersion of 

the 40% of the ECM from the pericellular area towards the surrounding matrix 

decreased the osmotic swelling pressure to 200 kPa. Highly concentrated osmotic 

swelling pressure around the cells induced volumetric strain (Fig 4.3.b) up to 29% on 

cells which was significantly higher than the 12% strain which cells experienced in the 

case of homogeneous ECM distribution. ECM distribution did not have a considerable 

effect on deviatoric strain in free swelling condition (Fig 4.3.b). 

 

 

Figure 4.2. Tissue scale volumetric and deviatoric strain (a-b), Mises stress (c) 

and pore pressure (d) under 10% compression. 

a)                                                          b)                                  

c)                                                           d)                                  
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Figure 4.3. Cell scale osmotic swelling pressure (a), volumetric strain (b) and 

deviatoric strain (c) in free swelling condition. 

 

 

4.3.4 Loading condition; cell scale 

Under loading (Fig 4.4.a-b), cells embedded in agarose experienced volumetric 

strain of -3.7%, deviatoric strain of 8.9% and deformation index of 0.72. When ECM was 

localized in the pericellular area, considerably different strain was induced on cells with 

volumetric strain of 30% and negligible deviatoric strain. Furthermore, this localization of 

ECM around the cells shielded the cells from being stimulated as indicated by a cell 

deformation index of 1.0. Dispersion of the 40% of the ECM from the pericellular area to  

a)  

b)  

c)  
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Figure 4.4. Cell scale volumetric (a) and deviatoric (b) strains, and cell 

deformation index (c) under 10% compression. 

 

 

the surrounding matrix decreased the volumetric strain to 23% and increased the 

deviatoric strain to 4.3%. Furthermore, the shielding effect was reduced leading to the 

cell deformation index of 0.94. With homogeneous ECM distribution, deviatoric strain 

was increased to 19% and cell deformation index was 0.71 (Fig 4.4.c). 

 

4.4 Discussion 

Our results indicate that after few days of ECM synthesis, the physical stimuli 

that cells receive are essentially different from those at the onset of the culture. 

Depending on ECM distribution, cells in different locations of TE cartilage constructs 

a)  

b)  

c)  
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experience considerably different physical stimulations, when the same global 

mechanical deformation is applied during culture. Even under free swelling conditions, 

inhomogeneities in ECM distribution may lead to significant variations in mechanical 

strains and give rise to gradients in osmotic swelling pressure and cellular deformation 

in the construct at both tissue and cell scale. More specific, our cell-scale evaluations 

indicate that localization of ECM, which is associated with concentration of PG’s and 

therefore a higher density of fixed charges, results in a highly nonlinear elevation in 

osmotic swelling pressure in the pericellular area. Combination of such pre-load swelling 

condition and externally applied loading results in complex strain and stress fields. 

Consequently, depending on the distribution of ECM, cells may experience up to an 

order of magnitude differences in mechanical conditions.  

There is significant evidence that chondrocytes respond to changes in their 

shape and volume as signals for regulating their metabolic activity and gene expression 

(Guilak et al. 1999). Chondrocytes sense physical signals through mechanosensors of 

stretch-activated ion channels, the cytoskeleton, and nuclear deformation (Heifh and 

Athanasiou 2003). A number of studies have shown that chondrocyte and nuclear 

deformation are integrally linked to the deformation of the ECM (Choi et al. 2007; Guilak 

1995; Idowu et al. 2000). The present study shows significant effects of ECM production 

and distribution on the physical signals applied on cells during culture. 

We postulate that some unexplained experimental observations with regard to 

the effect of mechanical stimulation of tissue engineered cartilage could be directly or 

indirectly attributed to the difference in mechanical conditions perceived by the cells, 

depending on the distribution of ECM at either the tissue or cellular level. One 

observation is that mechanical loading appears to be a more effective trigger for ECM 

synthesis during first 2/3 weeks of culture than at later time points. This phenomena 

may be related to the highly nonlinear elevation in osmotic swelling pressure in the 

pericellular area, following the initial synthesis of ECM in this area. This not only shield 

the cells from receiving external mechanical signals, but also imposes a continuous 

tension on the cells in free swelling (Fig 4.3). This environment is essentially different 

from the one cells experience at the onset of the culture, when no or limited ECM is 

synthesized. Another experimental observation is that mechanical stimulation of 

chondrocyte-agarose constructs grown in TGFß-supplemented medium was more 

effective than in FBS-containing medium (Mauck et al. 2003a). We postulate that part of 

this difference in mechano-responsiveness may arise from differences in mechanical 
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stimuli the cells receive as a consequence of differences in matrix distribution. Indeed, 

ECM accumulates pericellularly in FBS-rich cultures, while ECM is more homogeneous 

in TGFß-supplemented medium (Kock 2012), possibly as a result of reduced collagen 

cross-linking by TGFß (Jenniskens et al. 2006). Finally, a common experimental 

observation is that ECM content is highest in the construct periphery. This has been 

attributed to the availability of critical nutrients (Kelly et al. 2006) or nutrient utilization by 

peripheral cells (Heywood et al. 2004). We show that such inhomogeneities cause 

significantly variation in mechanical stimuli between cells. We speculate that in addition 

to the aforementioned nutritional effects, this variation in mechanical stimuli may be a 

reason for developing more inhomogeneities in the constructs. 

When applying mechanical stimuli on TE constructs in a bulk manner, the 

precise nature of the stimuli experienced by each individual cell cannot be determined 

experimentally. Theoretical models of cells and tissues are valuable because they can 

provide such information on biophysical parameter at the cell level (Guilak and Mow 

2000). Such models can help to correlate specific mechanical parameters to the 

resulting effect on cell behavior (Sheih and Athanasiou, 2003). An important result of the 

present study is that osmotic swelling pressure should not be disregarded in such 

models. 

To validate our numerical predictions on cell deformations, we compare our 

predicted cell deformation index with experimental measurements of Lee and Bader 

(1995). In their study, agarose-chondrocyte constructs were subjected to 5-20% strain 

and cell shape was assessed at the onset of culture and after 6 days. Good agreement 

is obtained between the numerical predictions and the measured cell deformation index 

at the onset of the culture when no ECM is present (Fig 4.5). Furthermore, with ECM 

synthesis after 6 culture days, at 10% compression, the experimentally measured 

deformation index is reduced from 0.82 to 0.95 (data not shown), which is well in the 

range of our numerical predictions (Fig 4.4.c.I-II).  

The size of the construct and the inner core at tissue scale, and the size of the 

pericellular area and the number of the cells at the cell scale, are arbitrarily chosen. 

Different constructs and inner core sizes and different number of cells with different 

distributions and pericellular sizes do not change the general trend of the results and 

conclusion of the study (data not shown).  
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Figure 4.5. Comparison between model predictions for cell deformation index in 

5-20% strain against experimental measurements of Lee and Bader (1995). 

 

 

We assume that PG's and collagen synthesis happen at the same time and don’t 

interact. Different synthesis rates of PG's compare to that of collagen may lead to 

changes in the mechanical behavior of TE constructs (Khoshgoftar et al. 2012; Bian et 

al. 2009; Responte et al. 2007). Future studies may explore temporal effects of matrix 

synthesis experimentally by modulating biochemical stimuli (Kock 2012; Jenniskens 

2006), or computationally by using growth models in which the gradual deposition of 

ECM components is accounted for (van Donkelaar and Wilson 2012). 

 

4.5 Conclusion 

The present study shows significant effects of ECM development and distribution 

on the physical signals that cells may experience during culture. Both tissue and cell 

level inhomogeneities, and their changes over time during culture are essential, while 

variations in osmotic swelling pressure are particularly important. Optimal physical 

signals to be applied on cells during culture to enhance their synthetic activities are yet 

to be elucidated. However, because it is generally observed that mechanical stimulation 

is more effective during the first weeks of culture, we postulate that the calculated cell 

strains at the onset of culture may be closer to the optimal stimuli than those computed 
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for strains in the presence of ECM. Thus, an optimal loading protocol for cartilage tissue 

engineering may require to update the loading protocol over time, such that the 

externally applied stimuli perturb the cells in a similar way as they are during the first 

week of culture. Whether this requires an increase or a decrease of the mechanical 

stimuli depends on the prevailing ECM distribution in the experiment. When pericellular 

ECM accumulation is apparent, based on our results we suggest to increase the level of 

external tissue deformation over culture time. 
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Chapter 5 

 

The effect of TE cartilage 

biomechanical and biochemical 

properties on its post-implantation 

mechanical behavior 

 

 

  

 

 

 

 

 

 

 

 

The concepts of this chapter are based on: Khoshgoftar M, Wilson W, Ito K, van 

Donkelaar CC (2012) The effect of tissue-engineered cartilage biomechanical and 

biochemical properties on its post-implantation mechanical behavior. Biomech Model 

Mechanobiol DOI 10.1007/s10237-012-0380-0 
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5.1 Introduction 

Using mechanical stimuli to enhance matrix production in TE constructs, it is 

possible to tissue engineer cartilage with almost native PG's content. However, collagen 

reaches only 15% to 35% of the native content after five to twelve weeks (Eyrich et al. 

2007; Hu and Athanasiou 2006; Miot et al. 2006), and the native collagen network 

architecture is not reproduced. In particular, Kelly et al. (2006) observed that under 

unconfined compression, the most common loading regime in cartilage TE, collagen 

fibers align perpendicular to the loading direction rather than in physiological 

architecture. Approaches to create a depth dependent tissue include using depth-

dependent scaffold properties or cell sources. Unfortunately, these approaches had 

limited success in the (mid)long term (Kim et al. 2003; Malda et al. 2005; Ng et al. 2005; 

Klein et al. 2007; Moutos et al. 2007; Ng et al. 2009;). Recently, depth-dependency of 

the collagen network architecture has gained interest in cartilage TE (Kock et al. 2010; 

Khoshgoftar et al. 2011). However, it is unknown whether the mechanical performance 

of TE cartilage after implantation would benefit more from higher biochemical 

compositions content of the implant, or from achieving an appropriate depth-dependent 

collagen organization. This is important to understand because engineering a tissue 

with more matrix content would require a different experimental approach than 

engineering a tissue with depth dependent structure, or with physiological collagen 

architecture (Khoshgoftar et al. 2011).  

Regarding biochemical constituents, not only their content but also the rate of 

their synthesis during TE culture may influence mechanical behavior of engineered 

tissues. Indeed, previous experimental studies showed significant influences of the 

synthesis rate of PGs and collagen on mechanical properties of the cartilage explants 

(Asanbaeva et al. 2007) and TE constructs (Bian et al. 2009). Effects of such 

phenomena on post-implantation mechanical performance of TE implants have not 

been reported so far and it is unknown how different synthesis rate of the PGs and 

collagen during TE process may change mechanical conditions in TE implants after 

implantation. 

Insight in the relative importance of the above mentioned aspects would assist 

tissue engineers to focus on those aspects that are likely to improve implant 

performance most. The aim of the present study is, therefore, to elucidate the relative 

importance of ground substance stiffness, collagen content and collagen architecture of 
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the implant for the post-implantation mechanical performance of the implant. 

Furthermore, we evaluate how implant performance depends on the relation between 

PG and collagen synthesis rates during TE. Implants with various composition and 

structural organizations, implanted in intact cartilage with native contents and a 

physiological collagen architecture are examined to elucidate which particular aspect of 

the implant is to be improved for a better match between implant and host tissue. 

 

5.2 Methods 

5.2.1 General approach 

We investigated the role of ground substance stiffness, collagen content and 

collagen architecture of TE implants on the post-implantation mechanical condition of 

the implant when the implant was attached to the native tissue and mechanically 

loaded. Mechanical condition of the implant was compared against the mechanical 

condition of loaded native tissue without implant. A numerical approach was used, 

because it is not feasible/possible to experimentally examine implants with different 

ultrastructure and collagen organization and evaluate mechanical strains and stresses 

throughout the implants. 

To evaluate the importance of the collagen network architecture, the direction of 

the collagen fibers was varied in the implant, such that they were random, horizontal 

and physiological. To evaluate the importance of the collagen content and ground 

substance stiffness, for each implant type, implants with three different constituents 

were compared; first, implant with ½ native non-fibrilar ground substance stiffness and 

¼ native collagen content, which represent the currently producible collagen content in 

TE studies; second: implant with native ground substance stiffness and ¼ native 

collagen content, third: implant with ½ native ground substance stiffness and ¾ native 

collagen content. List of the evaluated cases is summarized in Table 5.1. 
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Table 5.1. List of the evaluated ratio of the implants GAG content, matrix stiffness and 

collagen content to those in native tissue for implants with random, horizontal and 

native-like primary fibers. 

Implant collagen 

architecture 

Implant ground substance 

stiffness/Native ground 

substance stiffness 

Implant collagen 

content/Native 

collagen content 

Random 

 1/2  1/4 

1      1/4 

 1/2  3/4 

Horizontal 

 1/2  1/4 

1      1/4 

 1/2  3/4 

Physiological 

 1/2  1/4 

1      1/4 

 1/2  3/4 

 

 

5.2.2 Finite element mesh and material model 

We created an axisymmetric finite element model (ABAQUS v6.9, Pawtucket, RI, 

USA) of the medial tibia plateau cartilage in which a cylindrical part of the mesh at the 

central region of the model represented a TE implant (Fig 5.1).  

The governing stress equation was (Wilson et al. 2007): 

                                          

(5.1) 

 

In all cases, PG's content in the implant was assumed to be 75% of the native 

tissue in agreement with experimental studies (Kelly et al. 2006). Permeability was 

chosen to be twice that in native tissue (Buschmann et al. 1992; Owen and Wayne 

2006). The composition and mechanical properties used for native tissue were the same 

as in Wilson et al. (2006b). 
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Figure 5.1. Axisymmetric finite element model of the medial tibia plateau 

cartilage with a TE implant located at the central region (a), Finite element mesh of the 

implant (top) with initial height H and length L before swelling equilibrium and native host 

cartilage (bottom) with a central hole with radius of 6 mm and height of 2.36 mm (b). 

 

 

A collagen network with physiological architecture was captured by prescribing 

the local orientation of primary collagen fibrils in each integration point, such that they 

extended perpendicular from the subchondral bone in the deep zone, curve over in the 

transitional zone, and flush with the articular surface in the superficial zone. In addition, 

seven secondary fibrils were included per integration point: 3 running in the directions of 

the r-, y- and z-axis in the axisymmetric configuration, and 4 running in directions 

between those axes. The relative collagen fractions were then given by: 

                                      

(5.2) 

 

 

where C was a positive constant, ρcol,,tot the depth-dependent total collagen volume 

fraction per total solid volume. 

In the case of constructs with collagen fibers predominantly oriented parallel to 

the articular surface, primary fibers were considered to be horizontal throughout the 

entire depth of the construct, and C was chosen 3.0 to represent the relative importance 

of primary fibrils over secondary fibrils. In the case of constructs with randomly oriented 

collagen fibers, C was chosen 0, i.e. no preferred fiber direction was considered. 
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5.2.3 Simulations 

Simulations required a two-step approach. In the initial equilibration step, the 

implant and the cartilage were allowed to swell independently until equilibrium. During 

this swelling step the implant was allowed to freely expand in radial and axial directions 

while the symmetry axis was confined in radial direction. The bottom plane of the native 

tissue region was confined in all directions to mimic the attachment of the cartilage to 

the subchondral bone. At the end of this step, we adjusted the pre-swollen implant size 

such that the swollen size of the implant exactly matched the gap region in the host 

cartilage, i.e. L=6 mm in radius and H=2.36 mm in height. 

In the subsequent loading step, full integration between native tissue and the 

implant was prescribed using tie contact between them. Loading by the femoral condyle 

was simulated by using a rigid impermeable indenter with a curvature similar to the 

femoral condyle (Wilson et al. 2003). The contact between the femur and the tibia 

cartilage was assumed to be frictionless. Fluid outflow was only allowed at the parts of 

the articular surface that were not in contact with the femur. The bottom plane was 

confined in all directions and the symmetry axis was confined in the radial direction. A 

ramp stance load of 162.5 N was applied in 1 second and this load was kept constant 

for 30 seconds to achieve a natural loading condition. This was followed by a ramp gait 

load of 568.75 N that was applied in 1 second to simulate the loads during a walking 

step (Wilson et al. 2006a; Morlock et al. 2001). 

Swelling equilibrium and post-implantation condition of implants with different 

synthesis rates for PG's and collagen were simulated as follows. The equilibrium 

condition that was reached for the implant after the initial swelling step was dependent 

on the balance between swelling pressure and collagen stress. Consequently, a 

different equilibrium state was reached when it was assumed that all collagen was 

produced early, after which the implant started to swell, or whether swelling due to 

proteoglycan synthesis occurred first, and collagen was added later, assuming late 

synthesis. We considered these effects by comparing three cases in which all, half or 

one-third of the fibers were active in resisting swelling pressure in initial swelling 

equilibrium step (i.e. these fibers were synthesized early), and the remainder was not 

active in resisting swelling pressure in initial swelling equilibrium step (i.e. these fibers 

were synthesized late). In the model, zero strain was prescribed for that portion of the 

fibers that were inactive in resisting swelling pressure. Implants with ¾ native collagen 
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content and native ground substance stiffness where compared while the collagen 

orientation in the implant was varied. 

 

5.3 Results 

5.3.1 Native tissue without implant 

In the loaded area of native tissue without implant, superficial collagen was 

strained on average 4% (Fig 5.2.a). Matrix in the middle and the deep zone was under 

compression and therefore collagen fibers remained unstrained in the loaded area, but 

they were strained by osmotic pressure in the unloaded periphery. Average matrix 

deviatoric strain was 2%, and the strain was inhomogeneously distributed. Average 

matrix volumetric strain was 2.5% with rather homogeneous distribution under the 

femoral indenter (Fig 5.2.b-c). The contact pressure at the cartilage surface was 4.2 

MPa (Fig 5.2.d), which is in range of the reported data in the literature (Mononen et al. 

2011; Agneskirchner et al. 2004; Meyer et al. 2008; Marzo and Gurske-DePerio 2009; 

Morimoto et al. 2009). 

 

 

 

 

Figure 5.2. Peak fiber strain (a), deviatoric strain (b), volumetric strain and 

contact pressure(d) in native cartilage without implant. 

 

a)                                                      b) 

c)                                                      d) 
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Figure 5.3. Peak fiber strain (a), deviatoric strain (b), volumetric strain and 

interface shear stress (d) in implants with randomly oriented primary fibers consisting of 

½ native ground substance stiffness and ¼ native collagen content (top), native ground 

substance stiffness and ¼ native collagen content (middle) and ½ native ground 

substance stiffness and ¾ native collagen content (bottom). 

 

 

5.3.2 Implants with randomly oriented collagen fibers 

When TE cartilage with randomly oriented fibers, ¼ native collagen content and 

½ the native ground substance stiffness was implanted in the central region of the 

a)                                                  b) 

c)                                                   d) 
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cartilage, fibers in the deep zone experienced 12% strain (Fig 5.3.a.top). Local 

deviatoric strain increased by 50% (Fig 5.3.b.top) and the average volumetric strain 

increased up to 7-fold (Fig 5.3.c.top). Increasing the ground substance stiffness to that 

of the native tissue had negligible effect on the magnitude and distribution of the strains 

(Fig 5.3.a-c.middle), but it increased the interface shear stress in the middle zone (Fig 

5.3.d.middle). Keeping the ground substance stiffness to be ½ that of native tissue but 

increasing the collagen content from ¼ to ¾ native content reduced fiber strains in the 

deep zone (Fig 5.3.a.bottom), deviatoric strain (Fig 5.3.b.bottom) and volumetric strain 

(Fig 5.3.c.bottom). Furthermore the interface shear stress was considerably decreased 

(Fig 5.3.d.bottom). 

 

5.3.3 Implants with horizontally oriented collagen fibers 

In the implant with horizontally oriented primary fibers and randomly oriented 

secondary fibers, ¼ native collagen content and ½ of the ground substance stiffness of 

the native tissue, primary fibers experienced an inhomogeneous strain with peak tensile 

strains of 9% concentrated at the superficial and middle zone, ameliorating to 4% in the 

deep zone (Fig 5.4.a.top). Compared to the implant with randomly oriented fibers, the 

distribution of the deviatoric strain was different with slightly higher maximum magnitude 

(Fig 5.4.b.top), the distribution and magnitude of the volumetric strain was slightly 

different (Fig 5.4.c.top) and the interface shear stress had similar distribution with 

smaller magnitude in the middle and superficial zones. Increasing the ground substance 

stiffness to that of the native tissue had negligible effect on the magnitude and 

distribution of the strains (Fig 5.4.a-c.middle), but it increased the interface shear stress 

(Fig 5.4.d.middle). Increasing the collagen content from ¼ to ¾ native content while the 

ground substance stiffness was ½ that of native tissue resulted in strain reduction, yet, 

with different distributions and magnitudes compared to the native tissue (Fig 

5.4.bottom). 

 

5.3.4 Implants with physiological collagen fibers 

In the implant with physiological predominant fibers and randomly oriented 

secondary fibers, ¼  native collagen content and ½ of the ground substance stiffness of 

the native tissue, the distribution of primary fiber strain was similar to that in the native- 
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Figure 5.4. Peak fiber strain (a), deviatoric strain (b), volumetric strain and 

interface shear stress (d) in implants with horizontally oriented primary fibers consisting 

of ½ native ground substance stiffness and ¼ native collagen content (top), native 

ground substance stiffness and ¼ native collagen content (middle) and ½ native ground 

substance stiffness and ¾ native collagen content (bottom). 

 

 

tissue without implant. However, the magnitude of the fiber strain was higher (13%) (Fig 

5.5.a.top). Increasing the ground substance stiffness to that of the native tissue had 

negligible effect on the strain magnitudes (Fig 5.5.a,c-d.middle). Increasing the collagen 

a)                                               b) 

c)                                               d) 
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content from ¼ to ¾ native content while the ground substance stiffness was ½ that of 

native tissue decreased the fiber strains to 9% (Fig 5.5.a.bottom). The average 

volumetric strain was considerably decreased (Fig 5.5.c.bottom). 

 

Figure 5.5. Peak fiber strain (a), deviatoric strain (b), volumetric strain and 

interface shear stress (d) in implants with physiological collagen network consisting of ½ 

native ground substance stiffness and ¼ native collagen content (top), native ground 

substance stiffness and ¼ native collagen content (middle) and ½ native ground 

substance stiffness and ¾ native collagen content (bottom). 

a) b) 

c)                                                d) 



Chapter 5 

68 

 

5.3.5 Implants with different synthesis rates of PGs and collagen 

With randomly oriented fibers, pre-implantation (Fig 5.6.a.left) peak fiber strain 

was 4%, when all collagen fibers were synthesized early (Fig 5.6.a.top). When half (Fig 

5.6.a.middle) and one-third (Fig 5.6.a.bottom) of the fibers were synthesized early, peak 

fiber strain was increased to 5% and 6%, respectively. 

 

 

 

Figure 5.6. Pre-implantation (left) and post implantation (right) peak fiber strain 

in implants with randomly oriented fibers (a), horizontally oriented fibers (b) and 

physiological collagen network consisting of ½ native ground substance stiffness and ¾ 

native collagen content when all (top), half (middle) and one-third (bottom) of the 

collagen is synthesized early. 

 

 

 

 a)                                                           b) 

c)                                                 
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In the implant with horizontally oriented primary fibers and randomly oriented 

secondary fibers, pre-implantation (Fig 5.6.b.left) peak fiber strain was concentrated 

towards the center of the implant. This strain increased from 3% when all collagen fibers 

were synthesized early (Fig 5.6.b.top) to 4% and 4.7% when half (Fig 5.6.b.middle) and 

one-third (Fig 5.1.b.bottom) of the fibers were synthesized early. 

In the implant with native-like primary fibers and randomly oriented secondary 

fibers, ¾ native collagen content and native ground substance stiffness, pre-

implantation (Fig 5.6.c.left) peak fiber strain were concentrated at the superficial layer 

increasing from 5% when all collagen fibers were synthesized early (Fig 5.6.c.top) to 6% 

and 8% when half (Fig 5.6.c.middle) and one-third (Fig 5.6.c.bottom) of the fibers were 

synthesized early. Thus, late collagen synthesis resulted in excessive collagen strains of 

11% and 13% for the two later cases under loading (Fig 5.6.c.right). 

 

5.4 Discussion 

In the present study, the mechanical conditions inside and around a TE construct 

after implantation in intact cartilage were analyzed to elucidate the relative importance 

of composition and structural organizations of the implant for its post-implantation 

mechanical performance. In particular, the importance of the implant ground substance 

stiffness, collagen content and collagen architecture were investigated. This study 

showed that adverse parameters for each of these variables may lead to excessive 

mechanical loads, with collagen architecture being the most critical variable. Without 

physiological collagen architecture, a TE implant experiences a different distribution of 

the mechanical loads, independent of total tissue content. The most effective way to 

develop a tissue in which strains approach those in native tissue throughout the depth of 

the cartilage is to create a tissue with a physiological collagen structure. However, if 

physiological collagen architecture was formed but total collagen content was 

insufficient, then excessive strains were predicted to occur in the superficial collagen 

fibers. These may lead to fiber disruption and consequent loss of functionality. 

A TE implant with insufficient ground substance stiffness and collagen content 

creates a different mechanical environment after implantation than an implant with 

inappropriate collagen architecture. In particular, with random orientation of the 

collagen, as the most probable case in free swelling TE studies, the distribution of the 

collagen fiber strain varied, and local strain magnitudes in some areas reached 3-fold 



Chapter 5 

70 

 

those that were computed for native tissue. Increasing the ground substance stiffness to 

that of the native tissue had negligible effects on the magnitude and distribution of 

strains. Increasing the collagen content from ¼ to ¾ native content decreased fiber 

strain, volumetric strain and interface shear stress. However, distribution and 

magnitudes of the strains were considerably different from that in native tissue. Both low 

and excessive straining may result in degradation of the collagen network. It has been 

shown that collagen fibers undergo failure beyond 8–10% strain (Wang 2006) and that 

cyclic compressive strains with rates in the range of 8–25%/s cause immediate damage 

to collagen fibers (Thibault et al. 2002). When strain remains below 4%, enzymatic 

degradation of collagen increases (Huang and Yannas 1977; Ruberti and Hallab 2005). 

Collagen network degeneration at the articular surface may lead to chondrocyte death, 

even at physiological loads/strains (Chen et al. 2003). In addition to such direct effects, 

changes in the collagen network may have indirect effects at the tissue and cell level. 

Because the PGs are retained by and swelling is restricted by the collagen network, loss 

of PGs and tissue swelling may occur with collagen failure resulting in tissue softening. 

Any of these changes to the collagen, PGs and water content of cartilage may alter the 

local mechanical environment of the cell, under the same physiological loads, thus 

altering cell anabolic/catabolic behavior and metabolism (Kurz et al. 2001; Smith et al. 

2000).  

Collagen content was found to be the most important parameter in determining 

interface shear stress. Assuming that high shear stresses at the interface between 

tissues will prohibit tissue integration, we postulate that implants with higher total 

collagen contents may have a higher chance to become integrated in the native host 

cartilage. 

A second purpose of the present study was to evaluate how implant performance 

depends on the relation between PG and collagen synthesis rates during TE. 

Interestingly, our pre-implantation free swelling results showed that rapid synthesis of 

PG’s compare to that of collagen during cartilage TE leads to high strains in early 

synthesized collagen fibers while those fibers which are produced in later stages remain 

unstrained. This may explain experimentally different mechanical properties of TE 

construct with similar total PG and collagen contents (Bian et al. 2009). We predict that 

those fibers which are experiencing high strains at the moment of implantation are at 

danger of disruption when the tissue is mechanically loaded post-implantation, while 

those fibers which remain unstrained or experience a very low strain do not contribute 
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much to the mechanical performance of the tissue. In addition, we may speculate that 

unstrained fibers may be degraded after implantation, because of their enhanced 

susceptibility to enzymatic degradation (Huang and Yannas 1977; Nabeshima et al. 

1996; Ruberti and Hallab 2005). Such effects have not been reported before, and it may 

be worthwhile to explore this experimentally, or using models that include effects of 

transient development of cartilage matrix (Klisch et al. 2003; van Donkelaar and Wilson 

2012). Hence, we postulate that a mismatch between collagen and PG synthesis rates 

in cartilage TE may lead to adverse mechanical conditions in the collagen fiber network. 

Modulation of osmotic pressure in constructs can be a solution to prevent excessive 

tension on newly synthesized collagen fibers. This may support the benefit of cartilage 

TE approaches in which glycosaminoglycan content is depleted early during the TE 

process (Bian et al. 2009), to allow for first significant increase of collagen content. 

In the present study we focused on collagen fibers/cells susceptibility to 

disruption/damage due to high strains which may occur upon join loading after 

implantation. At the time scale of months or years, biological adaptation involving tissue 

composition and realignment of collagen fibers may dominate the long term clinical 

success rate of tissue engineering implants. However, for this to occur, the TE implants 

must be strong enough to survive immediate post-implantation loading. 

In our simulations, PG content in the implant was assumed to be distributed 

homogeneously and to reach 75% of the native content, which is in the range of 

frequently reported amount in TE studies (Mauck et al. 2003b; Kelly et al. 2006). Future 

studies may consider the effects of the distribution of PG’s for the mechanical properties 

of the constructs. Ground substance stiffness of the TE implants was varied 

independent from PG content to reflect the effects of using scaffolds with different 

mechanical stiffness.  

Full integration has been reported in long term experiments (Petersen et al. 

2008), whereas others reported a cleft between the recipient articular cartilage and 

osteochondral plugs in goats and human (Lane et al. 2004; Horas et al. 2003). Our 

study suggests that these results may reflect a difference in the total content of collagen 

in the implants, which is important for the interface shear strains. In the present 

simulations full implant-native tissue integration was assumed. Future numerical studies 

may address the effect of imperfect integration on the mechanical environment inside 

and around the engineered implants. 
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Implant size is a vital factor for clinical outcome of cartilage transplantation. The 

bigger the implant’s dimensions, the larger the contact area between implant and 

surrounding subchondral bone. Because of more friction, higher forces are needed to 

displace an implant, thus, the implant is more stable (Kock et al. 2006; Duchow et al. 

2000). Small diameter implants are less susceptible to damaging strains, yet they are 

less stable. This may increase the chance of implant failure (Kock et al. 2006; Hurtig et 

al. 1999). Indeed, in clinical practice, treatment depends on defect size. Small defects 

are normally treated by microfracturing or abration, rather than transplantation. 

Accordingly, the implant diameter that we have considered in our study is chosen to be 

clinically relevant (Kock et al. 2006). 

In our simulations, we assumed that the damaged area of cartilage is removed in 

pre-implantation by drilling early in surgical operation process so that the host tissue 

surrounding the implant is rather intact. However, the surrounding cartilage of the defect 

area could have been affected to some degrees by osteoarthritis. Such effect can be 

accounted for in future studies. For proper analysis, however, this requires that we know 

exactly the mechanical properties of the surrounding cartilage, which can differ largely 

depending of the grade of OA. 

To answer our research questions, we required the use of a cartilage material 

model that includes reinforcement by collagen fibers in a depth-dependent organization, 

as well as a swelling proteoglycan network (Wilson et al. 2006b; Wilson et al. 2007). For 

reasons of computational costs, we used a general axisymmetric model to represent the 

medial tibia plateau, similar to previous studies (Wilson et al. 2003; Wilson et al. 2006a), 

rather than a more realistic three-dimensional geometry of the knee. Because we only 

compare simulations with the same loading and boundary conditions we assume that 

this geometrical limitation does not affect our general conclusions. 

 

5.5 Conclusion 

Based on our results, we conclude that reproduction of the physiological collagen 

architecture enables sufficient load-bearing capacities of TE implants. However, such a 

structure is only functional if sufficient collagen is present. Therefore, we suggest that 

tissue engineering studies should best focus on collagen synthesis, rather than on 

engineering implants with abundant proteoglycan and enhanced ground substance 

stiffness.  
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In addition, we conclude that the faster synthesis rate of proteoglycans compared 

to that of collagen during TE may result in excessive swelling of the implant pre-

implantation and may enhance the range of strains in the collagen network. We showed 

why both effects are undesirable to the mechanical functioning of a TE implant.  

We believe that these aspects are worth to be considered in future tissue 

engineering studies, as they may result in mechanically superior engineered cartilage 

with enhanced long-term survival and improved integration. 
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Chapter 6 

 

Mechanical stimulation to stimulate 

formation of a physiological collagen 

architecture in TE cartilage 

 

 

 

 

 

 

 

 

 

The concepts of this chapter are based on: Khoshgoftar M, van Donkelaar CC, Ito K 

(2011) Mechanical stimulation to stimulate formation of physical collagen architecture in 

tissue-engineered cartilage; a numerical study. Comp Meth Biomech Biomed Eng 

14(2):135-144 
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6.1 Introduction 

One of the main challenges for tissue engineering of mechanically stable 

cartilage is to find the cues to create an engineered tissue with an ultrustructure similar 

to that of native tissue. A well-established cue for improving the mechanical properties of 

tissue-engineered cartilage is mechanical stimulation (Davisson et al. 2002; Lima et al. 

2007). To mimic the in vivo compressive loading condition, the commonly used loading 

condition is dynamic uniaxial confined or unconfined compression, which enhances 

matrix synthesis and produces matrix with better properties than those of unloaded 

tissue (Mauck et al. 2000; Mauck et al. 2003b; Kelly et al. 2006). The pressure 

presumably stimulates cells to synthesize proteoglycans, whose function is to resist 

pressure, while tension presumably is a stimulus for cells to generate collagen fibers, 

whose function is to resist tension. With these commonly used loading conditions it is 

possible to enhance ECM content in cartilage TE constructs. However, a physiological 

arcade-like collagen network is not reproduced in engineered tissues. 

The functional significance of the arcade-like collagen structure is well 

emphasized in the literature (Korhonen et al. 2002; Owen and Wayne 2006; Wilson et 

al. 2007; Korhonen et al. 2008; Shirazi and Shirazi-Adl 2008; Shirazi et al. 2008). 

Vertical fibrils in the deep zone protects the solid matrix against large strains at the 

subchondral junction (Shirazi and Shirazi-Adl 2008). The superficial zone plays a crucial 

role in resisting elevated tensile stresses parallel to the articular surface (Owen and 

Wayne 2006). Further, higher tensile modulus and lower compressive modulus at the 

articular surface promote interstitial fluid pressurization, beneficial for cartilage 

lubrication (Krishnan et al. 2003, Kelly et al. 2006). Considering this emphasis on the 

arcade-like collagen architecture in load bearing properties of native cartilage, it is 

logical to assume that without reproduction of such collagen architecture in engineered 

tissue, implanted constructs may have little chance of survival in vivo. However, this 

field of investigations is not fully mature (see review articles: Klein et al. 2009; Responte 

et al. 2007). Approaches such as using depth-dependent scaffold properties or cell 

sources have shown limited success (Kim et al. 2003; Malda et al. 2005; Ng et al. 2005; 

Klein et al. 2007; Moutos et al. 2007; Ng et al. 2009).  

We propose that applying appropriate physical signals and mechanical 

conditions on cells during cartilage tissue engineering culture period can result in 

sufficient collagen synthesis and also in production of an arcade-like collagen network. 

In native tissue, physiological joint loading is essential for the development and 



Stimulation of the formation of a physiological collagen architecture 

77 

 

maintenance of normal articular cartilage. During development, both movement and 

mechanical load play a critical role in differentiating embryonic MSC into chondrocytes 

leading to development of the articular surface (Arokoski et al. 2000; de Rooij et el. 

2001; Nesic et al. 2006). Recently, a loading regime involving indentation with 

subsequent sliding of the indenter has been proposed assuming that this loading regime 

can provide a mechanical condition closer to that in native tissue, compared to common 

confined and unconfined compression loading conditions, and this can be a possible 

cue for stimulating cells to produce sufficient matrix (van Donkelaar et al. 2009; Bian et 

al. 2010). However, a critical appraisal of the mechanical conditions induced by this 

loading regime has never been published except for experimentally oriented papers 

(Kock et al. 2010) or conference abstracts (van Donkelaar et al. 2009; Khoshgoftar et al. 

2010). To investigate the effect of different aspects (e.g. indentation depth or indenter 

and container shapes) and to examine different possibilities experimentally is labor 

intensive. Theoretical and computational modelling can be a powerful yet cost-effective 

alternative.  

Theoretical models to predict the collagen network architecture in various tissues 

are based on the principle that if collagen’s function is to resist tension, then collagen 

aligns in the direction in which it can most efficiently perform this function, i.e. it will align 

with a direction that is determined by the magnitudes and directions of the positive 

principal strain (Driessen et al. 2003). This principle nicely explains collagen structures 

in uniaxially loaded tendons and in tissues that receive more complex loads (e.g., heart 

valves (Driessen et al. 2003), blood vessels (Driessen et al. 2004) and articular cartilage 

(Wilson et al. 2006b)). These concepts have been applied successfully to design loading 

protocols for tissue engineering of e.g. heart valves (Mol et al. 2006).  

Here, our aim is to apply this approach to evaluate common and newly proposed 

loading protocols for engineering of cartilage, and to propose a protocol that would 

enhance collagen synthesis and potentially stimulate formation of an arcade-like 

structure. We analyze the strain fields under different loading conditions, seeking for a 

regime that produces relatively large positive strains, which are oriented such that the 

positive principal strains together constitute an arcade-like strain field. These loading 

conditions are unconfined compression as a common loading regime, sliding indentation 

as the newly proposed regime (Bian et al. 2010; van Donkelaar et al. 2009) and a 

combination of sliding indentation with lateral compression. We target agarose-
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chondrocyte constructs, commonly used for cartilage tissue-engineering (Buschmann et 

al. 1992; Chowdhury et al. 2004; Kelly et al. 2006; Ng et al. 2005; Lima et al. 2007). 

 

6.2 Theory and Simulation 

We hypothesized that if indeed, positive principal strains define the collagen 

orientations, then the induced strain field by the tissue engineering loading protocol is 

indicative for the fiber structure that develops. To predict the induced strain fields 

generated by different loading regimes, we used the finite element method. 

It has been shown that a hyperfoam or modified Ogden-Hill material model can 

describe the mechanical behavior of highly compressible nonlinear elastomeric foams 

(Schrodt et al. 2005; Petre et al. 2006). Agarose hydrogel behaves as a compressible 

nonlinear poroelastic material (Buschmann et al. 1992). It has been shown that a 

hyperfoam model with strain-dependent permeability can accurately describe the 

agarose nonlinear poroelastic behavior (Muralidharan 2006). The modified Ogden-Hill 

strain energy potential (hyperfoam) is available in ABAQUS 6.7 (SIMULIA, USA).  

The constitutive relation for a hyperfoam material was described as: 

                                                        

(6.1) 

where, W was the strain energy density function and i , i  and i  were the unknown 

material constants. The deformation modes were characterized in terms of the volume 

ratio J and the principal stretches, 
321 ,,  . N  was the order; for agarose N=2 

(Muralidharan 2006). 

Strain-dependent permeability was implemented as (Wilson et al. 2006a):  

                                                                                               (6.2) 

 

where k0 was the initial permeability, M a positive constant, and nf and nf,0 the current 

and initial fluid fractions, respectively. Material parameters of hyperfoam model for 2% 
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(w/v) agarose were derived from the literature (Table 6.1). Hydrolic permeability 

parameters were  k0=2.65×10 
-12

 (m
4
/N.S) and M=4.1 (Muralidharan 2006). 

 

 Table 6.1. Material parameters for agarose (Muralidharan 2006). 

 

 

 

6.2.1 Unconfined compression  

An axisymmetric finite element mesh was used, consisting of 1500, eight-node 

linear axisymmetric pore pressure elements (CAX8P) (Fig 6.1.a). The construct was 

considered to be 2.38 mm in radius and 2.3 mm in height (Kelly et al. 2006). The 

displacements of the nodes at the symmetry axis were confined in radial direction. The 

nodes on the sample lateral edge were prescribed to zero pore pressure to simulate 

free fluid flow. Given that the friction coefficient between the construct and the 

impermeable plates falls in the range of 0.001-0.1 (Gong et al. 2000; Gong  2006), 

upper and lower limits of this range were considered to model the contact using a 

penalty approach. 2% strain was initially applied to the constructs in 1000 seconds 

followed by 10% strain at a frequency of 1 Hz (Kelly et al. 2006). 

  

6.2.2 Sliding indentation 

During sliding indentation, an indenter compressed the sample and moved over 

the sample (Fig 6.1.b) (van Donkelaar et al. 2009; Bian et al. 2009). A 3D finite element 

mesh consisting of 48000, four-node pore pressure elements was used. The indenter     

( 5.4 ) was modeled as a rigid body. The sample was enclosed in a second rigid 

body, the container. The construct was considered to be 12 mm in longitudinal direction, 

3 mm in vertical direction and 9 mm in out of plane direction. For symmetry reason, only 

Material parameter (N=2) 

i 
i (MPa) i  i  

1 4.61 × 10
-2 

7.512 -0.1204 

2 -3.68 × 10
-2 

6.23 -0.1940 
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half of the construct was modeled (i.e. the out of plane length equals 4.5 mm). Contact 

between the container and the right and left sample edges as well as between the 

indenter and the sample were modeled using a penalty approach with friction coefficient 

between 0.001-0.1. Free fluid flow was allowed at the surfaces that were not in contact 

with the indenter or the container. To implement this, fluid flow conditions were made 

dependent to the size and location of the contact area by using the ABAQUS 

subroutines FRIC and FLOW. During the simulation, the indenter was first vertically 

displaced to 5 or 10% indentation depth and then was horizontally displaced 7 mm, 

back and forth in longitudinal direction, at 2 mm/s. 

 

Figure 6.1. The applied loading geometry and boundary condition. Unconfined 

compression (a), sliding indentation: the construct is placed in a rigid container and the 

indenter moves over the construct in X direction (b), compressing-sliding indentation: 

compressing post located at the side induces compression on the construct in Z 

direction and the sliding indenter moves over the construct in X direction (c). 

a)                                                  b) 

c)                   
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6.2.3 Compression-sliding indentation 

An intuitively more favorable condition to generate an arcade-like strain field was 

with a new configuration when a post located at lateral side induced compression on the 

construct when the indenter was sliding over the construct (Fig 6.1.c). The construct 

was “semi-confined” by the lateral compressing post. The rational was that deformation 

at the surface, where fibers parallel to the surface are desired, was unconfined, while in 

the deep zone, the material was deformed only in the vertical direction. The same mesh 

and boundary condition as for sliding indentation was used. Free fluid flow was allowed 

at the lateral edge of the construct which was not in contact with the compressing post. 

The construct was first compressed by the lateral post. Then, the indenter was vertically 

displaced to the desired indentation depth of 5% and then the sliding indenter was 

horizontally displaced 7 mm, back and forth in longitudinal direction, at 2 mm/s. 

 

6.3 Results 

For unconfined compression (Fig 6.2), applying 10% dynamic compression 

generated tensile strains in in-plane and out-of-plane directions with a maximum of 

4.6% when a friction coefficient of 0.001 was considered between the impermeable 

plates and the construct (Fig 6.2.a and 6.2.d). Increasing the friction coefficient to 0.1 

did not significantly change the maximum strain values and only the strain profile was 

slightly changed (Fig 6.2.b and 6.2.e). In-plane tensile principal strain was in radial 

direction perpendicular to the loading direction (Fig 6.2.c). 

For sliding indentation, when the indenter compressed the construct, the region 

under the indenter experienced high tensile strains. At 5% indentation (Fig 6.3.a), 

tensile strain reached 4.7%  under the indenter in longitudinal direction parallel to the 

surface. In the two lateral regions of the indenter, tensile strains with the direction of 

approximately 45 degrees were generated. In the off-center areas, vertical tensile 

strains with a lower value were generated. Increasing the indentation depth from 5% to 

10% resulted in increased maximal principal strain from 4.7% to 7.0% (Fig 6.3.b). 

When the indenter was moved over the construct, a varying strain field was 

generated in the construct. To investigate the effect of friction between the indenter and 

the construct, the friction coefficient was increased from 0.001 to 0.1 at 10% indentation.  
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Figure 6.2. In-plane (left) and out-of-plane (right) principal logarithmic strain field 

in construct (2.38 mm in radius and 2.3 mm in height), under unconfined compression 

condition with friction coefficient of 0.001 (a,d) and 0.1 (b,c,e) between the construct and 

rigid surfaces of the compressing and the bottom plates. 

 

 

This increase in friction did not significantly change the maximum principal strain 

magnitude and distribution and only the area experiencing highest tensile principal 

strain was slightly larger (Fig 6.4). For 5% indentation, this effect was negligible (data 

not shown). 5% indentation with friction coefficient of 0.001 was considered for the rest 

of the simulations. 

a)                                                  d)                                                  

b)                                                  e)                                                  

c)                                                  
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Figure 6.3. Distribution (top) and direction (bottom) of the maximum principal 

logarithmic strain at indentation depth of 5% (a), distribution of the maximum principal 

logarithmic strain at indentation depth of 5% (top) and 10% (bottom); half of the 

construct is shown (b). 

 

 

When the indenter was moved over the construct, the cyclic strain during the 

sliding indentation was not equal throughout the depth of the construct. The principal 

strains were large near the surface and strain magnitudes ameliorated in the deeper 

area areas (Fig 6.5.a-b).  

a)                                                  

b)                                                  
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 Figure 6.4. Distribution of the longitudinal logarithmic strain when the indenter 

moves over the construct at indentation depth of 10% with friction coefficient of 0.001 

(top) and 0.1 (bottom). 

 

 

Areas inside the construct located at different depths experienced a cyclic strain 

with different magnitudes and directions as shown for points located at the top (with 

height of 2.5 mm), middle top (with height of 2 mm), middle (with height of 1.5 mm) and 

middle bottom (with height of 1 mm) (Fig 6.5.b). The maximum principal strain was 

generated with a distance to the surface, at the middle top area of the construct. A point 

located in this area (Fig 6.5.c) experienced the highest tensile principal strain of around 

6% when the indenter passed over this point during a sliding cycle. This highest tensile 

principal strain was approximately equal to the tensile strain in longitudinal direction 

showing that the highest tensile strain occurred in longitudinal direction. 
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Figure 6.5. Distribution of the maximal principal strain during a full sliding cycle 

at indentation depth of 5% (a), cyclic maximum principal logarithmic strain in four 

different depth in the construct; top (point 1), middle top (point 2), middle (point 3) and 

middle bottom (point 4) (b), cyclic maximum principal strain, longitudinal strain and 

vertical strain at top depth (point 1) (c). 

 

a)                                                  

b)                                                  

c)                                                  
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Figure 6.6. The strain field produced by lateral compressing post applying 5% 

compression (a), maximal principal strain during a full cycle of sliding indentation with 

indentation depth of the 5%; half of the construct is shown (b). 

 

 

For compression-sliding indentation, when the lateral compressing post applied 

5% compression, vertical strains were generated in the deep zone of the construct 

reaching approximately 8% (Fig 6.6.a). The superficial zone remained almost 

unstrained. When 5% compression was subsequently prescribed by the sliding indenter 

on top, the integrated maximal principal strain over time resulted in a deep zone with 

vertical tensile strain and a superficial zone with random and horizontal tensile strain. 

The maximal tensile principal strain occurred in the middle top depth reaching 8.3%. 

The superficial and deep zones were obvious (Fig 6.6.b). 

 

6.4 Discussion 

Strain fields of different loading protocols have been investigated as the criteria 

to relate the mechanical loads, in particular the maximum principal strain directions, to 

the directional formation of collagen fibers in cartilage TE constructs. In addition to the 

fact that collagen structures in different tissue were correctly predicted based on this 

a)                                                  

b)                                                  
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relationship (Driessen et al. 2003; Driessen et al. 2004; Wilson et al. 2006b), this 

important assumption is supported by in vivo experimental studies in native tissues 

(Nakatsuji and Johnson 1984) and in vitro TE studies (Kelly et al. 2006; Lee et al. 2008). 

In vivo experiments have demonstrated that uniaxial strains stimulate alignment of 

collagen fibers in the tensile principal strain direction (Nakatsuji and Johnson 1984). In a 

cartilage tissue engineering study (Kelly et al. 2006), using polarized light microscopy, it 

has been shown that unconfined compression aligns collagen fibers perpendicular to 

the loading direction. This is in agreement with our prediction for unconfined 

compression where tensile strains perpendicular to the vertical compression were 

computed. 

The strain field generated by applying unconfined compression loading regime 

may be useful to generate a superficial zone with collagen fibers parallel to the surface 

or higher modulus near the surface zones (Kelly et al. 2006). However, consistent with 

experimental observations, our prediction shows that a physiological collagen network 

with vertical fibers in the deep zone may not be produced by applying unconfined 

compression loading regimes, because vertical tensile strains are absent in that 

direction. 

In the sliding indentation loading regime, varying the indentation depth can 

naturally change the strain field. It is apparent that when the depth of the indentation is 

increased, higher strains parallel to the surface will be induced deeper in the construct. 

This is an unwanted effect, because vertical fibers are aimed for in these deeper zones. 

On the other hand, by increasing the indentation depth, larger vertical strains at off-

center areas, which is desirable, are induced. Yet, during one sliding cycle, at each 

point, the induced tensile strain parallel to the surface is much larger than the induced 

vertical tensile strain. Consequently, the sliding indentation is predicted to lead to 

produce an engineered tissue with undesired collagen network architecture in which 

collagen fibers are mostly directed parallel to the surface. However, due to the variation 

in the direction of the induced tensile strain, randomly oriented collagen fibers are also 

likely to be present in the produced collagen network.  

In compression-sliding indentation, vertical strains are generated in the deep 

zone by means of the lateral compressing post. A small depth sliding indentation over 

the construct induces a thin superficial zone. Therefore, this loading regime theoretically 

produces an arcade-like strain field with vertical tensile strain in the deep zone and 

horizontal tensile strain in the superficial zone. One important benefit of this approach is 
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that the thickness of the superficial and deep zones can be controlled by adjustment of 

the indentation depth of the sliding indenter and compression applied by the lateral post. 

This is useful for creating tissue-engineered cartilage with dedicated zone thicknesses. 

Besides, the effect of the transient development of the tissue can be controlled, 

adjusting the magnitude of the applied strains. For instance, the effect of elevating 

swelling strain as a result of ongoing proteoglycan synthesis can be accounted for when 

adjusting the indentation depth and lateral compression during the culture period. 

When sliding indentation is applied on the TE construct and the indenter moves 

back and forth over the construct surface, a highly varying strain field is generated in the 

construct. Cells embedded in the construct experience tensile strains with different 

magnitudes and in different directions. This highly in-homogeneous condition is different 

from the mechanical environment generated by unconfined compression loading regime 

in which the cells are mostly deformed only in the direction perpendicular to the loading 

direction.  We speculate that such varying strain field generated by sliding indentation 

loading regime, in time, could enhance the metabolic and anabolic activity of 

chondrocytes. This, in part, may explain the enhanced collagen synthesis observed in 

the experiments (Fig 6.7) (Kock 2012).  

The effect of the variation in strain direction in time is unknown. Mechanotrasduction 

processes of matrix remodeling are not yet fully understood. We don’t know if only the 

maximum strain direction is important or the orientation that is present for the longest 

duration. Thresholds for cells to respond to changing physical environment may exist 

(Lee et al. 2008) and it is unknown how these changing environments are integrated 

over time by the cells (Butler et al. 2000). As physiological loading in native cartilage is a 

complex combination of compression, tension, shear and fluid pressurization, loading 

regimes which provide a condition closer to this in vivo condition may improve the 

development of a more biomimetic tissue-engineered cartilage. For instance, in 

chondrocyte-seeded polyurethane constructs, the combination of axial compression and 

surface motion of a ceramic hip ball along the surface of the construct resulted in an 

increase in the mRNA and protein levels of surface zone protein (SZP), mRNA levels of 

hyaluronan synthase (HAS), and in the release of hyaluronan (Lee et al. 2006). 

Although the sliding indentation concept is slightly different, we can expect similar 

results and it would be interesting to explore this experimentally.  
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Figure 6.7. Alcian blue staining for GAG (A,B), Picrosirius red staining for 

collagen (C,D) and immunufluorescent staining for collagen type II (E,F) of cross-

sectional slides of 5 μm thickness of the cultured chondrocyte-seeded agarose 

constructs after 28 days of culture. Scalebar A-D: 200 μm; E-F:100 μm (adopted from 

Kock 2012). 

 

 

This paper addressed the orientations of strain, assuming these represent the 

ultimate orientation of collagen in the developing tissue. Most likely, the magnitudes of 

strains are important determinants for collagen synthesis as well. Indeed, it is not known 

between which strain boundaries collagen synthesis would be stimulated. Also, cell-

independent effects on collagen metabolism are strain-dependent (Huang and Yannas 

1977; Nabeshima et al. 1996; Ruberti and Hallab 2005). Enzymatic degradation of 
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collagen is minimal at 4% strain (Huang and Yannas 1977). Furthermore, strain of 

above certain value may cause disruption. As shown in our study, optimization of the 

loading regime to induce a strain field with the desired direction and magnitude is 

possible. These regimes can now be used as input in experimental research, which can 

then be used for validation of our predictions. In this study, we evaluated the initial state 

of the tissue engineering construct when no matrix is produced in the engineered tissue. 

To fully optimize the loading protocol, transient development of tissue properties with 

ongoing matrix synthesis (Klisch et al. 2003) should be accounted for. One of our future 

aims is to use computer models to take such transient changes into account. 

Experimentally monitoring matrix formation and comparing this with the applied strain 

fields will elucidate the cellular response to the strains. This can be used to further 

enhance the loading regime for cartilage engineering.  

 

6.5 Conclusion 

Based on strain fields that develop in a tissue-engineered construct with different 

loading protocols, we suggest that sliding indentation over a construct stimulates 

formation of a superficial zone area. By inducing lateral compression, formation of 

vertical fibers in the deeper zone can be stimulated. This effect can be enhanced when 

sliding is combined with compression. This, theoretically results in formation of a more 

physiological arcade-like collagen network. The present study shows how numerical 

simulations can be used to assist in evaluating and designing loading protocols for 

tissue engineering and provide useful insights for experimental studies to discriminate 

promising protocols from those with poor potential, which is a step forward towards 

successful tissue-engineering of cartilage. 
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7.1 Introduction  

The mechanical equilibrium state of TE cartilage during culture depends on the 

balance between osmotic swelling pressure in the PG matrix and stress in the ECM, 

mainly in the collagen fibers. Swelling, together with the increasing total amount of ECM 

over time, results in the constructs to grow in size. In addition, the increasing amount of 

ECM and the swelling pressure cause the constructs to become stiffer. These effects 

occur at the same time, but PG and collagen deposition may occur at different rates 

(Bian et al, 2009; Mauck et al. 2003b). Generally, PG deposition precedes collagen 

synthesis. Therefore, swelling is more prominent in the beginning of the engineering 

process, while collagen reinforcement occurs later. The effects that temporal variation in 

PG deposition and collagen deposition rates could have on the compressive stiffness of 

cartilage TE constructs is not understood. 

 Chondroitinase ABC (CABC) depolymerizes chondroitin and dermatan sulfate 

and thereby depletes GAG content (Yamagata et al. 1968). Data from one experimental 

study (Bian et al. 2009) showed that temporarily depletion  GAG content with CABC 

may change the mechanical properties of cartilage TE constructs. However, such effects 

were dependent to the culture period during which CABC was applied i.e. results of the 

application of CABC for 2 weeks from day 14 to day 28 were significantly different from 

the case when CABC was continuously applied from day 0 to day 28. Since CABC 

treatment changed both the amount and the rate of GAG and collagen deposition in the 

constructs, the exclusive effect of the relative deposition rate of GAG and collagen on 

the mechanical properties of TE constructs was not clear.  

We postulate that alteration in the deposition rates of GAG and collagen changes 

the osmotic pressure and consequently affects the osmotic swelling-induced strain in 

collagen fibers. It has been shown that collagen fibers (and other biomolecules) are 

synthesized and incorporated locally into the ECM in their individual stress-free 

configurations (Humphrey and Rajagopal 2002; Garikipati et al. 2006). Collagen fibers 

stretched beyond their stress-free configuration will bear load, while a fiber that is 

compressed with respect to this configuration will not. Rapid deposition of GAG 

compared to that of collagen during cartilage TE may lead to high strains in early 

deposited collagen fibers while those fibers which are produced at later stages remain 

unstrained. Conversely, if more collagen was produced  earlier, the later GAG synthesis 

would have strained more collagen fibers. Those fibers which remain unstrained or 

experience a very low strain do not contribute much to the mechanical performance of 
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the tissue. The range of the effects that different temporal variation in GAG and collagen 

deposition could have on the mechanical behavior of TE constructs and collagen fiber 

strains, has not been quantified in the literature.  

In this study, we aim to quantify possible effects of the modulation of osmotic 

swelling pressure by temporal or continuous depletion  of GAG content during cartilage 

TE on the mechanical properties of these constructs. We use a three-study design. The 

intention in Study 1 is to see whether our numerical framework could predict the 

stiffening process of cartilage TE constructs during culture. Our intention in Study 2 is to 

see whether our FE simulations could predict similar effects of GAG content depletion  

on the mechanical properties of the constructs as those observed in the experiments. In 

Study 3 we question whether modulation of the rate of GAG deposition may increase or 

decrease the mechanical stiffness of cartilage TE constructs even though the same 

amount of GAG is present in the construct. By providing further insights into the internal 

mechanical conditions of cartilage TE constructs during culture such as osmotic swelling 

pressure and collagen network strain field these analysis are expected to help in 

improving the quality of TE cartilage.  

 

 

7.2  Methods 

7.2.1 General approach 

7.2.1.1 Study 1 

In Study 1, GAG and collagen contents of the control cases were adopted from 

the measurements by Mauck et al. (2003b) and Bian et al. (2009), respectively (Fig 7.1). 

Using these data as the input parameters for FE analysis, Young’s modulus of the 

constructs were calculated and compared to those achieved in the experiments. 

7.2.1.2 Study 2 

In Study 2, GAG and collagen contents were adopted from the measurements by 

Bian et al. (2009) in which GAG content was depleted  for two weeks from day 14 to day 

28 (2wks, mid) and for four weeks from day 0 to day 28 (4wks) (Fig 7.2). FE calculations 

of Young’s modulus were compared to those measured in the experiments.  
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a)                                                   b) 

 

Figure 7.1. GAG content (a) and collagen content (b) in control cases measured 

in the experiments by Bian et al. (2009) and by Mauck et al. (2003b). Here, these data 

were used as the input parameter of FE simulations in Study 1. 

 

a)                                                     b) 

Figure 7.2. GAG content (a) and collagen content (b) measured in the 

experiments by Bian et al. (2009) where GAG content was depleted  for two weeks from 

day 14 to day 28 (2wks, mid) and for 4 weeks from  day 0 to day 28 (4wks). Here, these 

data were used as the input parameter of FE simulations in Study 2. 
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7.2.1.3 Study 3 

Based on the study of Bian et al. (2009), compared to the control case, GAG 

depletion not only altered the rate of the GAG deposition but also changed the total 

GAG and collagen contents. To explore the exclusive effect of GAG deposition rate 

rather than that combined with changes in the ECM content, we designed a theoretical 

study (Study 3). Here, the total ECM content was the same at day 42. We only 

modulated the rate of the GAG deposition. Therefore, for the case where GAG was 

depleted from day 14 to day 28 (2wks, mid), GAG content between day 14 and day 28 

was kept identical to day 14, and from day 28 to day 42 there was a stepwise increase 

in GAG content to the control value at day 42. For the case where GAG was depleted 

for 4 weeks from day 0 to day 28 (4wks), GAG content after day 28 was equal to those 

in the control case. GAG depletion did not change collagen content during culture (Fig 

7.3).  

Furthermore, in the experiments by Bian et al. (2009) the 2-weeks GAG 

depletion was designed to start from day 14 to day 28 during culture. To explore what 

would be the effect if GAG depletion was started from the beginning of the culture and 

ends at day 14, an additional case (2wks, begin) was included in our case studies (Fig 

7.3).  

a)                                                            b) 

 

Figure 7.3. GAG content (a) and collagen content (b) as input parameter in 

Study 3, where GAG content was kept constant for two weeks from day 14 to day 28 

(2wks, mid), for 4 weeks from day 0 to day 28 (4wks) and for two weeks from day 0 to 

day 14 (2wks, begin). GAG contents before and/or after the GAG depletion period were 

equal to those in the control case (Fig 7.1). GAG depletion did not change the collagen 

content. 
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7.2.2 Material Model 

A composition-based material model for cartilage TE constructs that included 

the descriptions for agarose gel scaffold, swelling induced by PG’s and fiber 

reinforcement by collagen was used (Khoshgoftar et al. 2012). The governing stress 

equation was: 

                                                                                                      

                                                                                                                       (7.1) 

Here, this model was extended to account for temporal effects that originate from 

transient deposition of GAG and collagen. Deposition of ECM during cartilage TE was 

assumed to be homogenous and was modeled by updating the GAG and collagen 

volume fraction at the start of each step of the simulation which represented one culture 

day as (van Donkelaar and Wilson 2012): 

 

 

(7.2) 

 

where )(tVGAG
 and )(tVcol

 were the total GAG and collagen volume at the current day, 

)1( tVGAG
and )1( tVcol

were the total GAG and collagen volume of the previous day, 

GAGV
 
and 

colV were the collagen and GAG volume changes, respectively.  

We assumed that the synthesized ECM initially occupied the space of fluid. 

Therefore, it was not necessary to introduce additional growth stress into the 

constitutive equations with a growth tensor. The ECM volume was increased, due to 

ECM synthesis, at the start of day “t+1” compared to day “t”. The new synthesized ECM 

volume captured a part of the fluid volume. At this stage the simulation was not in 

equilibrium because of the excess of negative charges as a result of GAG synthesis. To 

reach a new equilibrium state, additional fluid (Vf) flowed into the construct due to the 

osmotic swelling pressure (Fig 7.4).  

Every culturing day had its own PG and collagen fibrils, with their respective 

volume fractions, stresses and strains. It was assumed that collagen fibers and PG 

components were synthesized and incorporated locally into the ECM with their 

individual stress-free configurations (Humphrey and Rajagopal 2002; Nagal et al. 2012; 
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Figure 7.4. Schematic overview of the ECM deposition model. Vagr was the 

agarose volume, Vf the fluid volume and Vecm the ECM volume i.e. the sum of 
GAGV  and 

colV . 

 

 

Garikipati et al. 2006). To implement this concept, the deformation of the ECM 

constituents were considered to be zero the day in which they were synthesized after 

which they deformed with growth of the tissue and performed their load bearing 

function. 

Collagen fibers were assumed to be randomly oriented in the construct. At each 

integration point 13 fibers were included; 3 running in the directions of the orthogonal 

axis, 6 running in directions between those axes with 45 degrees from each of the two 

orthogonal axis in each plane and 4 running in the spatial direction between the 

orthogonal axes with 60 degrees from each axis (Wilson et al. 2004). At the beginning of 

each step when collagen content was updated, the added collagen content was divided 

by the number of fibers and the resulting content was added to each fiber direction in 

the collagen network.  

 

7.2.3 Finite element simulations 

Finite element method (FEM) was used and an axisymmetric finite element mesh 

was created based on the initial shape of the experimental samples of Mauck et al. 

(2003b) (Fig 7.5). The height and radius of the finite element mesh were 1.1 mm and 

2.38 mm, respectively. The nodal displacements of the nodes at the symmetry axis were 

equilibrium                                                  

no equilibrium                                                  

equilibrium                                                  
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confined in radial direction. The nodal displacements at the bottom plane were confined 

in the vertical direction. 

Finite element simulation consisted of two parts. First, a culturing period was simulated 

in which no external loads were applied on the finite element mesh. Each culture day 

was considered as a separate time step in the model. The ECM volume fraction was 

updated every day based on the data presented in Fig (7.1-7.3). Experimental studies 

usually report GAG and collagen contents not at every culture day but at the end of 

each culture week. In order to continuously simulate the whole culturing period, the 

GAG and collagen contents at culture week days were determined by linear 

interpolation between day 0, 14, 28 and 42. During these culture steps, the construct 

was allowed to swell freely. Following the free swelling culture period, after 0, 14, 28 

and 42 days, the sample height was recorded and a 10% unconfined compression test 

was simulated to calculate equilibrium compressive Young’s modulus of the construct. 

During this mechanical test, the ECM volume was constant. The mesh was first 

equilibrated under an axial compressive tare load of 0.02 N, followed by a stress 

relaxation test with a ramp displacement of 1 μm/s to 10% strain, based on the post tare 

load thickness. Free fluid flow was allowed at the lateral edge. 

 

 

 

Figure 7.5. Axisymmetric finite element mesh of a cartilage TE construct based 

on the initial shape of the experimental samples of Mauck et al. (2003b). 
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7.3 Results 

7.3.1 Study1 

Using GAG and collagen contents from the control case in the experimental 

study of Mauck et al. (2003b) as the input parameter of FEM simulations resulted in the 

Young’s modulus of 30 kPa, 38 kPa and 59 kPa for the construct at day 14, day 28 and 

day42, respectively. There was a good agreement between FEM calculations and the 

experimental measurements for all culture days (Fig 7.6.a). 

With GAG and collagen contents adopted from the control case in the 

experimental study of Bian et al. (2009), FEM simulations resulted in the Young’s 

modulus of 94 kPa, 277 kPa and 281 kPa for the construct at day 14, day 28 and day42, 

respectively. For day 14 and day 28 there was a good agreement between FEM 

calculations and the experimental measurements for all culture days (Fig 7.6.b). For day 

42, FEM calculation of the Young’s modulus (281 KPa) was considerably lower than 780 

measured in the experiments of Bian et al. (2009). 

a)                                                        b) 

 

Figure 7.6. FEM results for Young’s modulus compared to those measured in the 

experiments by Mauck et al. (2003b) (a) and those measured in the experiments by 

Bian et al. (2009) (b). 

 

7.3.2 Study 2 

Using GAG and collagen contents from the experimental measurements of Bian 

et al. (2009), FEM calculations showed a substantial increase in the Young’s modulus 
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from day 28 (99 kPa) to day 42 (561 kPa) (Fig 7.7.a) when GAG was depleted from day 

14 to day 28.This was in agreement with the experimental finding by Bian et al. (2009) 

(Fig 7.7.b). Furthermore, there was a good agreement between the experimental results 

and the FEM calculations in that in both studies 4 weeks suspension of GAG content 

(Fig 7.7.a-b, 4wks) resulted in a lower Young’s modulus (81 kPa) compared to that in the 

control case (281 kPa). 

  

a)                                                      b) 

 

c)                                                         d) 

Figure 7.7. FEM results (a) and Experimental measurements by Bian et al. 

(2009) (b) for Young’s modulus, FEM calculation for osmotic swelling pressure (c) and 

representative strain in the collagen network during culture (d). GAG and collagen 

contents were taken from the experimental data of Bian et al. (2009). 
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Furthermore, it was observed that the pattern of the changes in FEM calculations 

of Young’s modulus (Fig 7.7.b) corresponded to those of the osmotic swelling pressure 

(Fig 7.7.c), showing a major influence of the osmotic pressure on the compressive 

stiffness of the constructs.  

Osmotic swelling pressure resulting from GAGs induced a tensile strain on the 

collagen fibers, which resisted the internal swelling pressure in the constructs.  Due to 

the gradual deposition of GAG and therefore, a gradual increase in the osmotic swelling 

pressure, strain in the collagen fibers varied depending on their age in the culture 

period. Moreover, during culture, newly synthesized collagen fibers were deposited with 

zero strain. Therefore, by culture time, the average strain in the collagen network had a 

decreasing pattern because younger fibers were not extensively strained, whereas older 

fibers were. When GAG content was depleted from day 14 to day 28, because of the 

reduced total osmotic swelling pressure the maximum strain in the collagen fibers 

reached 5.1%, whereas with continuous GAG depletion it reached only 1% (Fig 7.7.d). It 

should be noted that collagen fibers were deposited in several directions at each 

integration point of the FE mesh. Here, we showed strain of those fibers which were 

deposited during culture in the radial direction of the construct, as the representative 

strain in the collagen fiber network. Stain in the fibers deposited in other direction 

showed similar trends (data not shown). 

 

7.3.3 Study 3 

 FEM calculations showed that compared to the control case (Fig 7.6.b), 

continuous depletion of GAG content in the first 2 weeks or first 4 weeks of culture 

initially decreased the Young’s Modulus at day 28 an then increased the Young’s 

modulus of the construct by 75% and 81% at day 42, respectively (Fig 7.8.a). The 

influence of GAG depletion from day 14 to day 28 on enhancing the Young’s modulus at 

day 42 (297 kPa) compared to the control case (281) was not substantial. The changes 

of the Young’s modulus corresponded to those of the osmotic swelling pressure (Fig 

7.8.b).  
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 a)                                                        b) 

Figure 7.8. Young’s modulus (a) and osmotic swelling pressure (b) during culture 

calculated in FEM simulations, where GAG depletion only changed the rate of GAG 

deposition rate and it did not change the total GAG and collagen content before or after  

the depletion period.  

 

 

7.4  Discussion  

Experimental observations (Bian et al. 2009) have qualitatively shown the 

influence of the deposition rate of biochemical components on the mechanical behavior 

of cartilage TE constructs. The aim of the present study was to quantify effects of 

temporal depletion of GAG deposition during cartilage TE on the mechanical stiffness 

and the internal mechanical conditions of these constructs during culture.  

Our FEM calculations showed a major influence of GAG deposition rate on the 

mechanical properties of cartilage TE constructs. With equal total amount of GAG and 

collagen, continuous depletion of GAG for the first 2 or 4 weeks of culture initially 

decreased the internal osmotic swelling pressure of the constructs but ultimately led to a 

higher osmotic swelling pressure compared to that in the control case. Such elevation in 

the internal pressure resulted in a substantial increase (up to 80%) of the compressive 

mechanical stiffness of cartilage TE constructs at day 42. Compared to the continuous 

GAG depletion between day 0 and day 28, temporal depletion  of GAG from day 14 to 

day 28 resulted in a lower osmotic swelling pressure and compressive Young’s modulus 

of the constructs (Study 3). These results showed that change in the deposition rate of 
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GAG by initial GAG depletion during culture resulted in the modulation of osmotic 

swelling pressure and consequently led to achieve substantially stiffer cartilage TE 

constructs. 

Besides the GAG deposition rate, if the total amount of ECM was influenced by 

the GAG depletion in accordance with the experiments by Bian et al. (2009), our 

simulations showed that continuous depletion of the GAG content for the first 4 weeks of 

culture resulted in a considerable decrease in the Young’s modulus of the construct at 

day 42. This result was in agreement with the experimental findings by Bian et al. 

(2009). Our simulations revealed that the decrease in the stiffness observed in the 

experiments was mainly due to the decrease in the osmotic swelling pressure occurred 

as the result of the decrease in the total GAG content at day 42. 

The main explanation for the influence of GAG deposition rate on the mechanical 

stiffness of the construct is that the strain field in the collagen network changes. When 

collagen deposition was first allowed in the cartilage TE constructs while the GAG 

deposition was delayed, more collagen fibers were present to resist against the internal 

osmotic swelling pressure induced by GAGs later during the culture. The resulting high 

resistance of the collagen against the swelling of the construct resulted in less swelling 

of the construct and consequently in a low (1%) range of the strain induced on the 

collagen fibers. Consequently, the PG’s remained attached in a smaller construct 

volume and the osmotic swelling pressure was higher.  

In the experimental study of Bian et al. (2009), GAG depletion from day 14 to day 

28 resulted in a substantial increase in the collagen content. However, continuous 

depletion of GAG content for 4 initial weeks of the culture resulted in substantial 

decrease in the collagen content. The mechanism behind this phenomena remained 

unexplored. It was speculated that this phenomena may be due to possible inhibiting 

influence of CABC on the beneficial effects of TGF-ß culture medium. Also, 

experimental observations showed that collagen metabolism is strain-dependent 

(Huang and Yannas 1977; Nabeshima et al. 1996; Ruberti and Hallab 2005), with 

enhanced susceptibility of collagen fibers to enzymatic degradation at strains below 4% 

(Huang and Yannas 1977). Given such observations and considering our results which 

indicated a major influence of GAG deposition rate on the strain field in the collagen 

network, we may speculate that low amount of collagen in the experiments of Bian et al. 

(2009) when GAG deposition was continuously depleted for the 4 initial weeks of the 

culture maybe be due to the very low strain in the collagen fibers network. Future 
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experimental investigations may more precisely explore effects of the variations in the 

internal swelling strain in cartilage TE constructs on the level of strain induced on 

collagen fibers and the consequent effects on collagen synthesis. 

     In the present study a composition-based material model for cartilage TE 

constructs was extended to account for temporal effects of the transient deposition of 

GAG and collagen during TE culture. In this framework, mechanical properties of 

collagen fibers and that of PG matrix was assumed to be identical to those in native 

cartilage. This may be inappropriate, because the matrix in cartilage TE constructs is 

rather immature, compared to in vivo. Yet, good agreement between the results of the 

control cases in the experiments and those of the FEM simulations were found. 

Therefore, we considered the present material model suitable to apply for  predicting the 

stiffening process of cartilage constructs during TE culture. However, the calculated 

stiffness of the construct at day 42 in Study 1 was considerably lower than that 

measured in the experiment of Bian et al. (2009). The high stiffness achieved in that 

experimental study was shown by Lima et al. (2007) to be related to the effects of 

discontinued supplementation of TGF-ß, but the mechanism behind the effect remained 

unexplained. Our numerical approach did not include effects of growth factors. Indirect 

effects such as alteration in ECM distribution (Kock 2012) or possible change in the 

mechanical properties of the individual ECM constituents e.g. stiffness of the collagen 

fibers could be included in our developed numerical framework in the future, when such 

effects are further explored. 

 

7.5 Conclusion 

Control of the internal osmotic swelling in cartilage TE constructs by inducing 

alterations in the deposition rate of GAG and collagen may be a tool to enhance the 

mechanical properties of the constructs. Depletion of GAG for the first weeks of culture 

followed by sufficient deposition of GAG later in the culture results in the elevation of 

osmotic swelling pressure and consequently enhances the compressive mechanical 

stiffness of cartilage TE constructs. Such insights into the internal mechanical conditions 

of cartilage TE constructs during culture may assist in a better understanding and 

design of the optimal mechanical conditions required for the enhancement of ECM 

content and ultimately the mechanical properties of the engineered constructs. 
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8.1 Where are we in cartilage TE? 

While cartilage TE approaches has been potentially considered as a promising 

solution for the treatment of osteoarthritis, mid-long term outcomes in clinical 

applications are still unsatisfactory. The inferior mechanical property of currently 

produced TE cartilage is considered as one of the main reasons for such unsatisfactory 

outcomes. Now, a major question in this field of research is how the mechanical 

properties of the TE constructs could be improved. This is not easy to answer mainly 

due to numerous unknowns and uncertainties in cells responses to biochemical and 

biomechanical triggers. Therefore, the progress in this field of research is slow. 

Concentrating on the central role of ECM content, many experiments have aimed to 

increase ECM content by considering variations in culturing conditions (e.g. different 

growth factors, different scaffold materials and application of different types/magnitudes 

of mechanical loads). Most of these cartilage TE studies report qualitative histological 

data or quantitative data on a volume averaged basis to show how an examined culture 

condition influences the total amount of ECM in the constructs. However, to date, none 

of the efforts has led to engineered tissue with mechanical behavior similar to that of 

native cartilage. Even if sufficient mechanical properties of TE cartilage pre-implantation  

could have been reached, integration of the implants to host tissue and whether or not 

the implants could maintain the mechanical durability in the long-term post-implantation, 

are important issues.  

 

8.2 Main findings of the present thesis and relevant discussions 

Our general aims in the present study was first; to explore how inferior 

mechanical properties may influence the mechanical performance of TE cartilage, 

second; to elucidate on which aspects TE cartilage studies should focus to improve the 

mechanical functionality of TE cartilage and third; to propose how cartilage TE 

strategies could be changed to achieve such improvement. Our study indicated the 

importance of ECM distribution, collagen content and architecture and osmotic swelling 

pressure for the mechanical properties of cartilage TE constructs. The findings of the 

present study are summarized and discussed in the following sections. 
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8.2.1 Importance of ECM distribution 

To improve the mechanical properties of TE cartilage, generally, cartilage TE 

studies aim to increase the ECM content, as this is thought to determine the load-

bearing properties of the cartilage. In the study presented in chapter 3, we questioned 

whether or not with the same ECM content, mechanical stiffness of TE constructs may 

be improved by changing local or global ECM distributions only. We showed that both 

the cell scale and tissue scale matrix distribution reduce the overall stiffness of cartilage 

TE constructs, with cell scale effects being more pronounced. With the same total 

amount of ECM, if the distribution of ECM is more homogeneous at the tissue and cell 

scale, the compressive stiffness of TE constructs is increased. 

It worth mentioning that based on some experimental observations by Kock 

(2012) a homogenous distribution of ECM in TE constructs can possibly be achieved by 

using suitable dynamic loading and scaffold materials with improved mass transport 

properties in combination with appropriated growth factor likes TGF-ß which causes the 

dispersion of ECM through constructs. In fact, faster transport of ECM molecules before 

assembly which can be done by using more permeable scaffolds and dynamic loading 

can be one possible was to enhance ECM dispersion throughout the constructs. Also, 

delay in assembly, which theoretically can be done, for instance, by inhibiting the activity 

of pro collagen peptidases, which cleave the ends of pro collagen, can results in a more 

dispersed matrix. Apparently, also TGF-ß have delaying effect on collagen formation 

(Kock 2012). 

Although the study described in chapter 3 indicated that the greatest stiffness of 

cartilage TE constructs may be achieved with homogeneous ECM distribution, it also 

indicated that with currently produced ECM content, even that would be significantly 

lower than that of native cartilage. Therefore, enhancement in ECM content is still a 

demand for improvements in the mechanical properties of TE constructs. In several 

cartilage TE experimental studies it has been shown that mechanical stimulation of cells 

during cartilage TE enhances ECM synthesis. In current practice, the mechanical stimuli 

are constant and are not adjusted during culture. However, ECM synthesis and spatial 

variations thereof at both the tissue- and cell-scale alter internal mechanical conditions 

in the constructs with time. Consequently, the stimuli that are received by the cells will 

vary spatially and temporally, even though macroscopically the same loading is applied 

to the construct. In the present study (chapter 4) both concentration of ECM in the 
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pericellular area and concentration of ECM in the periphery of a construct, which are 

commonly observed ECM distributions in cartilage TE constructs, were shown to alter 

the physical stimuli that cells receive up to an order of magnitude compared to those at 

the onset of the culture. Of particular interest was the effect of elevated osmotic swelling 

pressure in the cell periphery, which not only shielded the cells from receiving external 

mechanical compression, but also directly induced tension on the cells.  

Different from current practice, we propose that the loading regimes should be 

dynamically adjusted during cartilage TE in order to maintain an effective mechanical 

stimulation of cells during culture. Because it is generally observed that mechanical 

stimulation is more effective during the first weeks of culture, we propose that the 

calculated cell strains at the onset of culture may be closer to the optimal stimuli than 

those computed for strains in the presence of ECM. Thus, an optimal loading protocol 

for cartilage tissue engineering may require to adjust the loading protocol over time, 

such that the externally applied stimuli perturb the cells in a similar way as they are 

during the first week of culture. Whether this requires an increase or a decrease of the 

mechanical stimuli depends on the prevailing ECM distribution in the experiment. When 

pericellular ECM accumulation is apparent, based on our results we suggest to increase 

the level of external tissue deformation over culture time. 

It should be noted that optimal physical signals to be applied on cells during 

culture to enhance their synthetic activities are yet to be elucidated. A study by 

Parkkinen et al. (1992) showed that sulfate incorporation under indentation loading of 

articular cartilage is increased both under the indenter and also in the non-contact area. 

Also, without applying any loading, in free swelling condition (which induce internal 

tension in cartilage TE constructs) PG content has shown to be gradually increased by 

time during culturing (Muack et al. 2003b). These could suggest that both compressive 

and tensile forces/strains could stimulate PG synthesis. In general, considering the 

physiological loading condition which is a combination of compression, shear, tension, 

fluid pressure and swelling pressure, we may speculate that all of these parameters 

might have a role in the synthesis of ECM.  
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8.2.2 Importance of collagen content/architecture 

After evaluating the role of ECM content and distribution, we explored that 

engineering TE implants with enhanced compressive stiffness should not be seen as 

the most critical aspect/goal of cartilage TE studies since this may not be sufficient for 

preventing mid/long-term failure of the implants post-implantation. One of the main 

differences between native and TE cartilage is in their collagen content and collagen 

architecture. In the literature it has not been explored whether the mechanical 

performance of TE cartilage would benefit more from higher content of biochemical 

compositions, or from achieving an appropriate collagen organization. Results of the 

study in chapter 5 showed that without a physiological collagen architecture, a TE 

implant experiences a non-physiological distribution of the mechanical loads, 

independent of the total ECM content. The most effective way to develop a tissue in 

which strains approach those in native tissue throughout the depth of the cartilage is to 

create a tissue with a physiological collagen structure. However, such a structure is only 

functional if sufficient collagen is present. 

We propose that cartilage TE studies should best focus on collagen synthesis 

with physiological architecture. However, it still remains a challenge how to first enhance 

collagen content and then direct collagen fibers in the desired directions. There are 

several studies in the literature in which compression has been effective in substantial 

increase of the amount of PG and not the amount of collagen (e.g. Muack et al. 2003b). 

One thing that this may suggest is that compression is not a crucial factor in modulating 

collagen synthesis. A general hypothesis in our group was that dynamic tension may 

enhance collagen synthesis. The argument behind this idea was that the main role of 

collagen fibers is to resist tension. Cells produce these fibers when they sense to be 

stretched and want to restrict this stretch. It is similar to the idea that when cells are 

exposed to compression they produce PG’s to restrict compression by making the 

matrix around them stiffer. 

Having defined our hypothesis, a loading regime was required for applying 

dynamic tension on TE scaffolds. Using common hydrogels as TE scaffold makes it 

difficult to use standard tensile test, because these hydrogels are very slippery and will 

not stay attached to the grips of the set up during dynamic tension which normally 

should be applied some hours a day during culture process. This led our group to come 

up with sliding indentation loading configuration where cells can be exposed to dynamic 
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compression and tension at the same time, without the need to attach the constructs to 

any grips. Sliding indentation involves an indenter compressed into the construct and 

slid over the construct to ensure dynamic straining. While the experimental results within 

our group demonstrated positive effect of sliding indentation on collagen synthesis 

(Kock 2012), the collagen level produced in the construct is still much lower than that in 

native cartilage. Therefore, there is a demand for optimization of this loading regime to 

achieve better outcomes. Insights (e.g. the effect of indentation depth and depth-

dependent variation of the strain profile) presented in chapter 5 of this study can assist 

in such optimization. 

Besides total collagen content, it is important for cartilage TE studies to find 

practical ways for how to direct collagen fibers in desired direction during culture. We 

questioned whether or not common loading regimes in TE cartilage may stimulate 

formation of such collagen architecture and if not, what kind of loading may potentially 

stimulate formation of a physiological collagen architecture. In line with experimental 

observations from the literature, it was shown that a physiological collagen network with 

horizontal fibers in the superficial zone and vertical fibers in the deep zone would not be 

produced by applying the common loading of unconfined compression on the 

constructs. As an alternative, we predicted that sliding indentation loading may be 

helpful in producing a superficial layer with horizontal collagen fibers on top of cartilage 

TE constructs, similar to that in native cartilage. We then introduced a novel theoretical 

design to achieve a physiological collagen network architecture by adding lateral 

compression to the sliding indentation configuration. A challenge in the case of sliding 

indentation loading is that the direction of the principal strain changes by the 

movements of the indenter over constructs. On the other hand, the direction of the 

highest positive principal strain over each cycle of the sliding is constant. Based on 

some finding in the literature (see chapter 6) we assumed that it is this highest principal 

strain that defines collagen orientation over time. However, cyclic change in the 

direction of the principal strain may also have a role in the resultant collagen orientation. 

Unfortunately, due to the lack of sufficient collagen and the presence of hydrogel 

scaffold around collagen fibers, it has been very challenging task within our group to 

experimentally visualize the orientation of the collagen fibers in cartilage TE constructs. 

There are ongoing efforts in our group to improve the visualization approaches. Future 

improvements in the collagen visualization may provide validations for our 

assumptions/predictions.  
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8.2.3 Modulation of the osmotic swelling pressure 

The production process of TE cartilage is essentially different compared to the 

physiological process of native cartilage growth, even if cartilage TE studies manage to 

optimize culture conditions and loading regimes to produce constructs with native like 

composition and structure. In TE studies, stimulation of cells results in ECM synthesis in 

a time scale of days/weeks while in the physiological case the time-scale for mature 

ECM synthesis is in the order of months/years. We showed that the short-term synthetic 

rate of ECM constituents may significantly change the mechanical state inside cartilage 

TE constructs. In particular, we predicted that stiffness of the constructs can be 

substantially improved by depleting GAG content in early weeks of culture while 

collagen is allowed to be sufficiently synthesized. The mechanism/explanation for this 

was that the earlier produced collagen restricted swelling, resulting in higher osmotic 

pressure to resist the applied compressive loads. 

In addition, our results suggest that rapid synthesis of PG compared to that of 

collagen during cartilage TE may lead to high disruptive strains in early synthesized 

collagen fibers while those fibers which are produced at later stages remain unstrained 

and be more susceptible to enzymatic degradation (Huang and Yannas 1977; 

Nabeshima et al. 1996; Ruberti and Hallab 2005). Based on our results, we believe that 

modulation of osmotic pressure can lead to a more homogenouse distribution of pre-

strains in collagen fibers and this can be a solution to prevent excessive/insufficient 

tension on collagen fibers pre-implantation and consequently a more mechanically 

stable tissue post-implantation. Therefore, the present study provides further support for 

the benefit of cartilage TE approaches in which PG production is depleted early during 

the TE process to allow for first significant increase of collagen content (Bian et al. 

2009).  

It worth mentioning that when considering native cartilage, it is known that at 

birth, cartilage is rich in PGs (Brama et al. 2002). During maturation of articular cartilage 

from fetus to skeletal maturity, there is an  increase in collagen and crosslink densities, 

but little or no change in the content of  GAGs (Pal S et al. 1981; Williamson AK et al. 

2001). In contrast to this type of in vivo growth, growth of immature cartilage tissue in 

vitro in serum-supplemented medium results in a net deposition of PG that is greater 

than that of collagen and a decrease in mechanical integrity. For cartilage explants from 

bovine fetus and calf, and neonatal rat, incubation in serum-supplemented medium 
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results in an increase in tissue size, maintenance of proteoglycan concentration and a 

decrease in the concentrations of collagen and pyridinoline crosslinks (Sah et al. 1994; 

Williamson et al. 2003). These changes in composition are associated with a decrease 

in tensile modulus and strength (Williamson et al. 2003). When comparing TE process 

with physiological process of cartilage formation, the different time scales of the two 

processes should be noted. Future studies may explore in more details the differences 

between the native cartilage growth and the TE process. 

 

8.3 Modelling advances of this study and recommendations for 

future modelling studies in the field cartilage TE 

8.3.1 Material models  

In order to have true predictive value, numerical models require accurate 

information on the constitutive behavior of the materials under investigation. As 

reviewed in chapter 2 of this thesis, poroelastic biphasic material models have been 

used in most of the previous studies in the literature for describing the material behavior 

of TE cartilage. Thus, the crucial role of the interaction between collagen fibers and 

osmotic swelling pressure in the mechanical behavior of TE cartilage has not been 

accurately addressed before. In the present study, we used more advanced 

composition-based material models of cartilage, which include the contributions of 

individual ECM components such as swelling effects and collagen-reinforcements. An 

advantage of these composition-based models is that they can relatively easily be 

adopted to include effects of changes over time by updating the collagen or PG 

contents. In this way, effects of ECM production during TE or during physiological tissue 

development or ECM degradation during OA may be accounted for. This is an 

advantage over other existing growth model which include variables such as the 

cofactors in multiplicative decomposition of the deformation gradient, that are more 

difficult to interpret and validate (Volokh 2006; Klisch et al. 2003-2005). In chapter 7, we 

initiated efforts to accommodate growth processes in cartilage composition-based 

material models. Future studies may extend this development by linking collagen 

remodeling, tissue adaptation (Wilson et al. 2006; van Donkelaar and Wilson 2012) and 

collagen cross-linking (Bastaansen-Jenniskens et al. 2008) to this framework. 
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Ultimately, effects of growth factors may be added to interact with effects of mechanical 

loading.  

 

8.3.2 Cell-level models 

We were the first to present 3D multi-cells models and addressed influences of 

the presence of osmotic swelling pressure and collagen fibers on the cell’s 

micromechanical environment (chapter 4 and 5). As described in chapter 3 and 4, using 

a 3D multi-cell model was particularly important for accurate calculation of regional fixed 

charge densities and composition fractions which depend on the 3D volumes of local 

regions (i.e. pericellular and interterritorial areas). 

Using these models it was possible to investigate the influence of ECM 

distribution on the micromechanical environment of the chondrocytes during culture. 

Considering difficulties in accurate characterization of the cells’ micromechanical 

environment experimentally, such quantitative predictions of the chondrocyte micro-

environment as presented in our study may be helpful to enhance our understanding in 

this field. However, the underlying mechanotransduction mechanisms that allow a 

chondrocyte to perceive and respond to mechanical loads are poorly understood. In our 

cell-level models, similar to many other studies in the literature (see our review study in 

chapter 2) the chondrocyte was idealized as a homogeneous continuum. 

Models incorporating sub-cellular components, e.g. nucleus and cytoskeletal 

fibers (see review paper by Slomka and Gefen (2011)) may further help to get insights 

in the mechanotransduction mechanisms of chodrocytes. Ultimately, considering the 

combination of joint-, tissue-, cell- and subcellular-level biomechanical and biological 

factors involved in the production process and post-implantation success of TE 

cartilage, the authors would like to encourage work in coupling these levels to each 

other and also to couple the mechanical to biological aspects. Well thought-out 

manipulations of the cells in engineering applications and successful clinical 

implantation of engineered tissues may be achieved when all multi-level critical aspects 

in play are fairly understood and accounted for (Fig 8.1). 
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Figure 8.1. Multi-level computational simulations can assist experimental 

investigations in achieving insights into pre-implantation aspects of TE. For instance, 

designs of culture conditions and scaffolds may be evaluated and/or optimized. 

Furthermore, models of implants in in vivo condition can be useful in recognizing the 

most critical aspects which should be considered in the design of implants. Conjunction 

between experimental studies and numerical evaluations may result in the development 

of successful long-term clinical implants. 

 

 

8.4 General conclusion 

Inducing cell- and tissue level homogenous distribution of the extracellular matrix 

constituents may lead in producing tissue-engineered cartilage with superior mechanical 

properties. Furthermore, enhancing the internal osmotic swelling pressure in cartilage 

TE constructs by initial depletion of GAG content during culture may help to 

substantially increase the mechanical properties of cartilage TE constructs. Finally, 

considering the crucial role of a native-like collagen network architecture in the load 

bearing properties of articular cartilage, the present study suggests that cartilage TE 

studies should focus on reproducing such collagen architecture in the TE constructs. 

Applying the novel loading regime (sliding indentation combined with lateral 

compression), introduced in this study, on cartilage TE constructs during culture may 
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lead to produce engineered tissues with native-like collagen architecture. The insights 

provided in this thesis may indicate directions that would result in the development of 

mechanically superior TE cartilage with enhanced long-term survival, which is a step 

forward towards successful clinical application of TE cartilage.  
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