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Summary 
 

Due to the limited capability of cartilage for self repair, tissue engineering (TE) solutions 

provide an attractive alternative to conventional clinical treatments of cartilage defects [1]. 

In order to produce functional cartilage substitutes, stem cells or primary chondrocytes 

can be immobilized and cultured in supporting materials. The physical properties of such 

scaffolds have been shown to vastly impact cellular behavior [2-5] and may be tuned in 

novel materials to induce a desired cellular response. The importance of matrix elasticity, 

as one of these properties, gained increasing interest over the last few years. It has been 

shown that cells actively probe the elasticity of the matrix and react to it in a cell type 

specific way [4, 6, 7]. However, knowledge about the influence of this material property 

on chondrocyte behavior is still largely lacking. Based on this gap, the objective of the 

thesis is a comprehensive investigation of chondrocyte response to matrix elasticity. 

 The different possible culture scenarios in cartilage TE should, hereby, be covered. These 

are: (i) chondrocyte expansion in monolayer after isolation (ii) chondrocyte incorporation 

and expansion in a three-dimensional (3D) setting after isolation and (iii) 3D 

redifferentiation of chondrocytes after expansion in monolayer. I hypothesized that 

matrix elasticity influences the proliferation and differentiation state of chondrocytes in 

both, the two-dimensional (2D) and 3D culture systems. To investigate this hypothesis, 

suitable culture systems needed to be adapted or, if necessary, developed. A 

polyacrylamide (PA) system was adapted for the study in 2D culture as it has been well 

characterized and was widely used in other studies in this field. A suitable 3D culture 

system still needed to be identified, since studies about cellular response to matrix 

elasticity in 3D are largely lacking. In a first step, the suitability of a porous system was 

investigated, as porous systems have been used for other studies in this field. Since the 

porous system did not provide satisfactory conditions for my purpose, a tunable hydrogel 

system was then developed to provide an improved, well-controlled environment to study 

chondrocyte response to matrix elasticity in 3D. 

Chapter 2 provides the background for this work. It explains the main constituents of 
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cartilage and strategies for cartilage repair and cartilage TE. Furthermore, the current 

knowledge about the importance of stiffness sensing in the broader field of skeletal TE is 

summarized. 

Chapter 3 investigates chondrocyte response to matrix elasticity in a 2D-environment. 

When chondrocytes are cultured in monolayer, on cell culture plastic, they lose their 

chondrogenic phenotype in a process called dedifferentiation [8]. Dedifferentiated cells 

produce tissue substitutes with inferior mechanical properties compared to fully 

differentiated chondrocytes [9]. I hypothesized that the elasticity of the substrate, the cells 

are cultured on, influences the maintenance of the chondrogenic phenotype. To examine 

this hypothesis, a 2D culture system was used in which PA gels with different 

concentrations of bis-acrylamide were coated with collagen type I. Matrices with Young‟s 

moduli of 4 kPa, 10 kPa, 40 kPa, and 100 kPa were produced, as determined by atomic 

force microscopy (AFM). Porcine chondrocytes were cultivated on these matrices at low 

density for seven days. The proliferation of cells was analyzed by 5-Bromo-2'-deoxy-

uridine (BrdU) incorporation. Maintenance of the chondrogenic phenotype was analyzed 

by measuring collagen type I, type II and aggrecan gene expression, immunofluorescence 

staining for collagen type II, and phalloidin staining for actin filaments. Compared to cells 

cultured on stiffer substrates, cellular proliferation and actin organization was decreased 

on matrices of 4 kPa. The differentiated phenotype of the chondrocytes grown on 

matrices of 4 kPa was stabilized, indicated by higher collagen type II and aggrecan, and 

lower collagen type I expression in comparison to chondrocytes on stiffer substrates. 

These findings indicate that chondrocytes sense the elasticity of the matrix and that soft 

substrates support the chondrogenic phenotype in 2D. 

Since cells often find themselves in a more complex, 3D environment in TE applications 

and in vivo, this research was extended into the third dimension, in a next step. The 

elasticity of a 3D system can be altered by different means. I tested two potential 

approaches: 1) a porous system, in which pore size has been shown to change the 

mechanical properties and 2) a hydrogel system where the mechanical properties can be 

tuned by using different concentrations of a starting material. 

Chapter 4 investigates the suitability of a porous system to study stiffness sensing in 3D. 
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Different pore sizes have been shown to result in different mechanical properties of the 

bulk material, with smaller pores resulting in stiffer, and larger pores in softer materials 

[10, 11]. Pore size might, however, also directly impact cellular behavior [12, 13]. I 

hypothesized larger pores would result in softer scaffolds which, in turn, -based on the 

experience in the 2D culture system- would be favorable for the chondrogenic phenotype. 

Porous silk scaffolds with different average pores sizes (98.5±1.5 µm = small; 142±11.5 

µm = medium and 196.9±20.2 µm = large pores) could be produced as confirmed by 

micro-computed tomography (micro-CT) measurements. However, mechanical testing of 

the scaffolds showed that even groups of scaffolds with the same average pore size had 

high deviations in mechanical properties, and that scaffolds with different pore sizes 

consequently did not differ significantly in their mechanical properties. Analysis of the TE 

constructs after 4 weeks of culture showed that cells were more evenly distributed in 

scaffolds with small pores, but that the amount of DNA and glycosaminoglycans (GAGs) 

was not significantly different between the different scaffold types. Cells maintained their 

chondrogenic phenotype independent of the pore size as indicated by a round 

morphology and a high collagen type II production. However, they had only little contact 

to the substrate and were not evenly distributed, but formed a dense layer at the outside 

of the scaffold with only sparse cell numbers in the center. In conclusion, pore size had a 

small influence on cell distribution but not on proliferation, extracellular matrix (ECM) 

production or the maintenance of the chondrogenic phenotype. The investigated porous 

system was furthermore shown to be an unsuitable system to study stiffness sensing, due 

to the heterogeneous mechanical properties, the limited contact between cells and 

substrates, and the inhomogeneous cell distribution. 

Based on the knowledge obtained in Chapter 4, the first section of Chapter 5 covers the 

development of a hydrogel system. I hypothesized that a hydrogel system would provide 

an improved, controlled environment for studying stiffness sensing in 3D. To 

furthermore assure a separation of mechanical properties and adhesion site density, an 

approach was chosen in which an inert material with tunable mechanical properties can 

be modified with a controlled number of adhesion sites. Agarose was chosen as inert bulk 

material, while RGD (Arg-Gly-Asp) was chosen as an adhesion sequence, to enable active 

stiffness sensing of the cells. Agarose type VII displayed stable mechanical properties 
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under cell culture conditions and could be modified with RGD. Hydrogels with different 

mechanical properties were produced by varying the concentration of agarose in the gel. 

Cells interacted with the RGD and cellular viability was not diminished in modified, when 

compared to plain agarose. The developed agarose model system, thus, seemed to be 

suitable to study chondrocyte stiffness sensing in 3D culture. 

The second section of Chapter 5 applies the developed model system to investigate the 

effect of matrix elasticity on the maintenance of the chondrogenic phenotype in 3D-

culture. Based on the findings in 2D, I hypothesized that sot materials would also 

promote the chondrogenic phenotype in 3D culture. To investigate this hypothesis, 

agarose was modified with RGD, or RGE (Arg-Gly-Glu) as a chemically similar control 

that does not provide adhesion sites. Hydrogels with different mechanical properties were 

produced. Primary chondrocytes were incorporated into the gel, cultured for up to two 

weeks and constructs were analyzed. Cells were surrounded by their own ECM from an 

early stage and maintained their chondrogenic phenotype, independent of substrate 

composition, as indicated by a high collagen type II and a lack of collagen type I 

production. However, softer gels showed a higher DNA and GAG content and larger cell 

clusters than stiff gels, in both, RGD- and RGE-modified agarose. I concluded that 

matrix elasticity does not influence the maintenance of the chondrogenic phenotype in 

3D-agarose-culture, but influences the size of the formed cell-ECM clusters. The 

deviation of these findings from the previous results in 2D culture stresses the 

importance of transferring results from mechanosensing from 2D into 3D culture 

systems, as these are more closely mimicking the natural environment of cells 

The third section of Chapter 5 applies the developed hydrogel system to investigate the 

influence of adhesion site density and stiffness on the redifferentiation of expanded 

chondrocytes. To obtain sufficient cell numbers for cartilage TE with autologous 

chondrocytes, cells are typically expanded in monolayer culture. The resulting loss of the 

chondrogenic phenotype can be reversed upon transfer into a 3D-environment. I 

hypothesized that the properties of this 3D-environment, namely adhesion site density 

and substrate elasticity, would influence this redifferentiation process. To test this 

hypothesis, chondrocytes were expanded in monolayer and their phenotypical transition 

was analyzed. Agarose hydrogels with different RGD densities and mechanical properties 
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were produced, cells were incorporated into the gels to induce redifferentiation and 

constructs were analyzed after two weeks of 3D-culture. The availability of adhesion sites 

inhibited cellular redifferentiation: GAG production per cell was diminished by RGD in a 

dose dependant manner and cells incorporated into gels with the highest RGD density, 

continued to synthesize collagen type I and produced the least amount of collagen type II. 

Substrate stiffness, in contrast, did not significantly influence cellular redifferentiation, but 

softer gels contained higher cell numbers and amounts of ECM after two weeks of 

culture. These findings might prove useful to choose appropriate biomaterials for the 3D-

redifferentiation of expanded chondrocytes. 

In conclusion, different model systems were developed in this thesis and applied to 

investigate the response of chondrocytes in 2D culture, 3D culture and during 

redifferentiation in 3D culture. I showed that chondrocytes sense matrix elasticity and 

that their response is very different in 2D compared to 3D culture. Substrate stiffness 

influences the chondrogenic phenotype in 2D but not in 3D culture. However, cell 

proliferation and cluster formation is influenced by matrix elasticity in 3D and the 

availability of adhesion sites influences chondrogenic redifferentiation. This fundamental 

knowledge can be used in future TE applications to optimize cell-material interactions 

through the controlled manipulation of biomaterials. 
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Zusammenfassung 
 

 

Geschädigtes Knorpelgewebe besitzt nur sehr begrenzte Möglichkeiten, sich ohne 

Eingriff von außen zu regenerieren. Das Züchten von Knorpelgewebe (Knorpel Tissue 

Engineering, TE) bietet die Möglichkeit einen entstandenen Knorpeldefekt dauerhaft zu 

beheben [1]. Um beschädigtes Gewebe zu ersetzen, können hierbei adulte Stammzellen 

oder Chondrozyten auf einem geeigneten Trägermaterial (Matrix) immobilisiert werden. 

Sowohl die chemischen als auch physikalischen Eigenschaften dieses Trägermaterials 

haben einen direkten Einfluss auf das Verhalten der Zellen, und damit auf die erfolgreiche 

Entstehung des Gewebeersatzes [2-4]. Es konnte beispielsweise gezeigt werden, dass 

Zellen die Elastizität des Materials detektieren und darauf reagieren. Die Forschung der 

letzen Jahre bestätigte, dass gerade diese Eigenschaft einen bisher unterschätzten Einfluss 

auf das Zellverhalten hat. Ob und wie sich dieser Einfluss auswirkt, scheint jedoch sehr 

stark vom Zelltyp abzuhängen [2, 6, 7]. Da bislang kaum Kenntnisse über die Auswirkung 

dieser Materialeigenschaft auf Chondrozyten vorhanden sind, war das Ziel dieser Arbeit 

eine umfassende Untersuchung des Einflusses von Matrixelastizität auf das Verhalten von 

Chondrozyten. Hierbei sollte der Einfluss der Matrixelastizität auf die verschiedenen 

Aspekte im Knorpel TE untersucht werden: (i) Die Expansion von Chondrozyten im 

Monolayer, also in einem 2D-Kultursystem, (ii) die Inkorporation und Vermehrung von 

Chondrozyten in verschiedenen 3D-Kultursystemen und (iii) die 3D-Kultur zur 

Redifferenzierung von Chondrozyten die im Monolayer vermehrt wurden. Die 

Ausgangshypothese dieser Studie war, dass die Elastizität der Matrix sowohl den 

chondrogenen Phenotyp, als auch die Proliferation von Chondrozyten in den 

verschiedenen Kultursystemem beeinflusst. Um diese Hypothese zu untersuchen wurden 

verschiedene Kultursysteme adaptiert, auf ihre Tauglichkeit geprüft und wenn nötig neu 

implementiert. Zur Untersuchung des Einflusses der Matrixelastizität in 2D-Kultur wurde 

ein bereits etabliertes und gut charakterisiertes 2D-Kultursystem auf Basis von 

Polyacrylamid (PA)-Gelen ausgewählt. Da bisher kaum Studien über den Einfluss von 

Matrixelastiziät in 3D-Kultur durchgeführt wurden, musste zunächst ein angemessenes 
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3D-Kultursystem identifiziert werden. In einem ersten Schritt wurde hierzu die 

Tauglichkeit eines porösen Systems untersucht, da poröse Systeme bereits für andere 

Studien in diesem Bereich verwendet wurden. Da dieses Kultursystem jedoch nur 

unzureichende Eigenschaften für meine Zwecke vorweisen konnte, wurde in einem 

nächsten Schritt ein Hydrogel basiertes Kultursystem entwickelt um Untersuchungen des 

Einflusses der Matrixelastizität auf Chondrozyten in einer verbesserten, kontrollierte 3D-

Umgebung zu ermöglichen. 

Kapitel 2 legt die Hintergründe der vorliegenden Forschungsarbeit dar. Sowohl die 

Grundkomponenten von Knorpelgewebe, als auch die heutigen Möglichkeiten zur 

Behandlung von Knorpeldefekten, wie zum Beispiel Knorpel TE, werden beschrieben. 

Zusätzlich werden die aktuellen Erkenntnisse zur Auswirkung der Matrixelastizität auf 

Zellen für den Gewebeersatz im weiteren Feld des Bewegungsapparates 

zusammengefasst. 

Kapitel 3 behandelt die Auswirkung von Matrixelastizität auf Chondrozyten in einem 

2D-Kultursystem. Wenn Chondrozyten im Monolayer in Zellkulturflaschen kultiviert 

werden, verlieren sie mit der Zeit ihren differenzierten Phänotyp [8]. Knorpelgewebe, das 

mit Hilfe dieser dedifferenzierten Zellen gezüchtet wird, besitzt unzureichende 

mechanische Eigenschaften um einen Knorpeldefekt dauerhaft und vollständig reparieren 

zu können [9]. 

Die Ausgangshypothese dieser Studie war, dass der Erhalt des differenzierten Phänotyps 

in Monolayerkultur von der Elastizität der Matrix beeinflusst wird. Um diese Hypothese 

zu untersuchen wurde ein bereits etabliertes Modellsystem adaptiert, in dem PA-Gele mit 

unterschiedlichen Konzentrationen von bis-Acrylamid vernetzt werden, um Substrate mit 

verschiedenen Elastizitäten zu erhalten. Ein Adhäsionsprotein, in diesem Fall Kollagen I, 

kann anschließend kovalent an die Substrate gekoppelt werden, um die aktive Detektion 

der Elastizität durch die Zellen zu ermöglichen. 

Porcine Chondrozyten wurden in geringer Dichte für bis zu 7 Tagen auf Gelen mit 

Young„s Moduli von 4 kPa, 10 kPa, 40 kPa und 100 kPa kultiviert. Anschließend wurde 

der Phänotyp der Zellen auf den unterschiedlichen Substraten analysiert. Im Vergleich zu 

härteren Gelen wurden bei Zellen auf weichen Gelen eine geringere Proliferation und 

eine weniger stark ausgeprägte Organisation des Aktin-Zytoskelets nachgewiesen. Eine 
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höhere Expression von Kollagen Typ II und Aggrekan und eine geringere Expression 

von Kollagen Typ I zeigten weiterhin, dass der differenzierte Phänotyp durch die Kultur 

auf weichen Substraten stabilisiert werden konnte. Diese Ergebnisse legen den Schluss 

nahe, dass Chondrozyten die Elastizität des Materials detektieren können und dass weiche 

Materialien den Verlust des differenzierten Phänotyps von Chondrozyten in 

Monolayerkultur verzögern können. 

Da Zellen sich sowohl in vivo, als auch bei der Erstellung von Gewebeersatz oft in einer 

komplexeren, 3D-Umgebung befinden sollte in einem nächsten Schritt untersucht 

werden, wie weit Ergebnisse aus einem 2D-Kultursystem auf das Verhalten von 

Chondrozyten in einem 3D-Kultursystem übertragbar sind. Ich stellte die Hypothese auf, 

dass die, im 2D-Kultursystem beobachtete Reaktion der Chondrozyten auf die Elastizität 

des Materials auch in einem 3D-Kultursystem beobachtet werden kann. Um diese 

Hypothese zu untersuchen musste zunächst ein geeignetes 3D-Kultursystem entwickelt 

werden. Die mechanischen Eigenschaften eines 3D-Kultursystems können auf 

verschiedene Arten verändert werden. Die Studien zur Entwicklung eines geeigneten 3D-

Kultursystems basieren auf zwei Kernhypothesen 1) Ein geeignetes Kultursystem kann 

auf Basis eines porösen Materials, dessen Elastizität über die Porengrösse reguliert wird, 

entwickelt werden und 2) Ein geeignetes Kultursysstem kann auf Basis eines Hydrogels, 

dessen Elastizität durch die Konzentration des Ausgangsmaterials reguliert wird, 

entwickelt werden. 

Kapitel 4 untersucht die Eignung eines porösen Systems zur Erforschung des Einflusses 

von Matrixelastizität auf das Verhalten von Chondrozyten in 3D-Kultur. Bisherige 

Untersuchungen haben gezeigt, dass unterschiedliche Porengrößen zu unterschiedlichen 

Elastizitäten führen, wobei kleine Poren zu steiferen und große Poren zu weicheren 

Scaffolds führt [10, 11]. Die Porengröße selbst kann sich jedoch auch direkt auf das 

Zellverhalten auswirken [12, 13]. Ausgangshypothese in diesem Kapitel war, dass 

Scaffolds mit unterschiedlichen mechanischen Eigenschaften durch ein Einbringen 

verschieden großer Poren produziert werden können und dass weiche Scaffolds -wie in 

der Kultur in 2D- den chondrogenen Phänotyp unterstützen. Porogene unterschiedlicher 

Größe konnten dazu verwendet werden, poröse Seidenscaffolds mit unterschiedlichen 

Porengrößen (98.5±1.5 µm = kleine; 142±11.5 µm = mittlere und 196.9±20.2 µm = 
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große Poren) zu produzieren, wie anhand von micro-CT Analysen bestätigt werden 

konnte. Die mechanischen Tests der Scaffolds zeigten jedoch, dass selbst Scaffolds mit 

derselben Porengröße sehr unterschiedliche elastische Moduli hatten. Unterschiedliche 

Porengrößen führten deshalb nicht zu signifikant unterschiedlichen elastischen Moduli 

der Scaffolds. Die Analyse der für 4 Wochen mit Zellen kultivierten Konstrukte ergab, 

dass die Zellen eine etwas gleichmäßigere Verteilung in Scaffolds mit kleinen Poren 

zeigten, die Menge von DNA und ECM-Komponenten auf den verschiedenen 

Scaffoldtypen jedoch nicht signifikant unterschiedlich war. Der differenzierte Phänotyp 

der Chondrozyten wurde außerdem unabhängig von der Porengröße der Scaffolds 

erhalten. 

Durch die Bildung von Zell-ECM Aggregaten, vor allem an der Oberfläche der Scaffolds, 

hatte der Großteil der Zellen jedoch nur sehr begrenzten Kontakt zum Trägermaterial. 

Die Zellen zeigten bildeten dichte Schichten am Rand und verteilten sich nur spärlich bis 

in die Mitte der Scaffolds. 

Zusammenfassend lässt sich sagen, dass die Porengröße keinen Einfluss auf den Erhalt 

des differenzierten Phänotyps, die Proliferation und die Produktion von ECM-

Komponenten der Zellen zu haben scheint. Eine eindeutige Trennung der Porengrösse 

von anderen physikalischen Scaffold-Eigenschaften ist jedoch nicht möglich. Das 

untersuchte, poröse System ist zudem durch die inhomogenen mechanischen 

Eigenschaften, den eingeschränkten Kontakt der Zellen zum Trägermaterial und die 

ungleichmäßige Zellverteilung nicht als Modellsystem für Untersuchungen zum Einfluss 

der Matrixelastizität geeignet. 

Basierend auf den Erfahrungen mit dem porösen System, beschäftigt sich der erste Teil 

des Kapitels 5 mit der Entwicklung eines Hydrogel-Modellsystems. Dies soll eine 

verbesserte, kontrollierte Umgebung für die Untersuchung des Einflusses der 

Matrixelastizität auf Chondrozyten in 3D-Kultur bieten. Um zudem zu gewährleisten, 

dass die Veränderung der Elastizität unabhängig von einer Veränderung in der Dichte der 

Adhäsionsstellen in dem Material erfolgt, wurde ein Ansatz gewählt, in dem ein inertes 

Ausgangsmaterial mit einer kontrollierten Anzahl von Adhäsionsmolekülen modifiziert 

wurde. Als Adhäsionsmolekül, das eine aktive Detektion der Matrixelastizität durch die 

Zellen ermöglichen soll, wurde RGD verwendet. Als inertes Ausgangsmaterial wurde 
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Agarose Typ VII gewählt, da es stabile mechanische Eigenschaften unter 

Zellkulturkonditionen aufweist. Die Agarose konnte erfolgreich mit RGD modifiziert 

werden. Hydrogele mit reproduzierbaren mechanischen Eigenschaften und Young„s 

Moduli von etwa 4 kPa bis 53 kPa konnten durch den Einsatz verschiedener 

Konzentrationen von Agarose produziert werden. Zellen adhärierten zudem an der 

modifizierten Agarose und zeigten eine gute Vitalität nach Inkorporation in das Material. 

Das entwickelte Modellsystem war somit geeignet den Einfluss der Matrixelastizität auf 

Chondrozyten in einem 3D-Kultursystem zu untersuchen. 

Im zweiten Teil des Kapitels wurde das entwickelte Modellsystem angewandt, um den 

Einfluss der Matrixelastizität auf Chondrozyten in 3D zu untersuchen. Agarose wurde mit 

RGD modifiziert und RGE-modifizierte Hydrogele wurden, als chemisch ähnliches 

Kontrollsystem ohne Adhäsionsmöglichkeiten, hergestellt. Harte (53 kPa) und weiche (4 

kPa) Hydrogele wurden erzeugt. Chondrozyten wurden in die Gele inkorporiert, für bis 

zu zwei Wochen kultiviert, und die entstandenen Konstrukte analysiert. Die 

Chondrozyten waren bereits in einem frühen Stadium der Zellkultur von ihrer eigenen 

ECM umgeben. Das Ausmaß der Kollagen II Produktion und das komplette Fehlen von 

Kollagen I zeigten zudem, dass der differenzierten Phänotyp unabhängig von den 

Eigenschaften des Trägermaterials bewahrt wurde. Unabhängig von der Art der 

Modifizierung, enthielten weiche Gele jedoch signifikant mehr DNA und GAG und 

größere Zell-ECM Cluster als harte Gelen. Die Ergebnisse deuten darauf hin, dass die 

Elastizität des Materials keinen Einfluss auf die Erhaltung des differenzierten Phänotyps 

in einer 3D-Umgebung hat, jedoch die Zellmenge und die Größe der geformten Cluster 

beeinflusst. Die Abweichung dieser Ergebnisse von den Ergebnissen im 2D-Kultursystem 

unterstreicht hierbei zudem die Notwendigkeit, Untersuchungen des Einflusses der 

Matrixelastizität auf 3D-Kultursysteme auszuweiten. 

Im letzten Teil des Kapitels wurde das entwickelte Modellsystem angewandt, um den 

Einfluss von Matrixelastizität und Adhäsionsmoleküldichte auf die Redifferenzierung 

expandierter Chondrozyten zu untersuchen. Um ausreichend Zellen für die Züchtung 

von Knorpelgewebe zu erhalten, müssen Chondrozyten typischerweise in 

Monolayerkultur vermehrt werden. Hierbei verlieren sie ihren differenzierten Phänotyp. 

Dieser Vorgang kann jedoch durch die Kultur in einem geeigneten 3D-Trägermaterial 
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wieder rückgängig gemacht werden. Die Ausgangshypothese dieser Studie war, dass die 

Eigenschaften des Trägermaterials, in diesem Falle die Dichte der Adhäsionsmoleküle 

und die Elastizität des Materials, den Erfolg dieser Redifferenzierung beeinflussen 

können. Um diese Hypothese zu untersuchen, wurden Chondrozyten im Monolayer 

vermehrt und der Verlust des differenzierten Phänotyps wurde analysiert. Hydrogele mit 

verschiedenen RGD Konzentrationen und verschiedenen mechanischen Eigenschaften 

(hart = ~53 kPa oder weich = 4 kPa) wurden produziert und die expandierten Zellen 

wurden für zwei Wochen in den Hydrogelen kultiviert, um die Redifferenzierung zu 

ermöglichen. 

RGD hatte einen inhibierenden Effekt auf die Wiedererlangung des differenzierten 

Phänotyps: Die GAG Produktion pro Zelle nahm mit zunehmender RGD-Konzentration 

im Hydrogel ab und Zellen, die in Gele mit der höchsten RGD Dichte inkorporiert 

wurden, waren auch nach der Redifferenzierungs-Phase positiv für Kollagen Typ I und 

produzierten nur geringe Mengen Kollagen Typ II. Die Elastizität des Materials hatte 

hingegen keinen Einfluss auf den Redifferenzierungsprozess. Weiche Gele enthielten am 

Ende der Kulturzeit jedoch wiederum mehr Zellen und GAG als harte Gele. Diese 

Erkenntnisse zum Einfluss der Materialeigenschaften auf den Redifferenzierungsprozess 

können in Zukunft dazu verwendet werden passende Trägermaterialien für die 3D-

Redifferenzierung von Chondrocyten auszuwählen. 

Im Rahmen der vorliegenden Forschungsarbeit wurden verschiedene Kultursysteme 

angewandt, und wenn nötig neu implementiert, um den Einfluss von Matrixelastizität auf 

das Verhalten von Chondrozyten zu untersuchen. Die verschiedenen Studien behandelten 

dabei unterschiedliche Aspekte, die im Bereich des Knorpel TE von Bedeutung sind. 

Es konnte gezeigt werden, dass Chondrozyten in 2D-Kultursystemen anders auf die 

Elastizität der Matrix reagieren als in 3D-Kultursystemen. Die Elastizität beeinflusste die 

Erhaltung des differenzierten Phänotyps in 2D-, jedoch nicht in 3D-Kultur. Im 3D-

System konnte jedoch ein Einfluss der Elastizität auf die Zellproliferation und die Größe 

der formierten Zellcluster festgestellt werden. Die Elastizität hatte jedoch keinen 

messbaren Einfluss auf die Redifferenzierung expandierter Chondrozyten. Es konnte 

hingegen ein inhibierender Einfluss von Adhäsionsmolekülen auf diesen Vorgang 

festgestellt werden. 
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Durch die, im Rahmen dieser Forschungsarbeit durchgeführten, Studien konnte 

grundlegendes Wissen über vorteilhafte Materialeigenschaften für die verschiedenen 

Szenarien der Zellkultur im Knorpel TE erlangt werden. Dieses Wissen kann in Zukunft 

dazu genutzt werden Biomaterialien für TE-Applikationen gezielt zu manipulieren, um 

Zell-Material Interaktionen zu optimieren. 
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1.1 Specific aims 

 

In an aging population, the need for clinical solutions to compensate for the wear of the 

skeletal system is constantly increasing. Amongst those, chondral injuries affect a large 

and ever increasing fraction of the population. Cartilage in itself has very limited ability 

for self repair and therefore even minor lesions can pose a major problem and in a 

consequence disable joint movement and vastly restrict daily activities. Several surgical 

treatments have been applied to avoid total or partial replacement of joints. Nevertheless, 

articial joints are still often the only resort to effectively treat joint degeneration. Tissue 

engineering (TE) on the other side provides an attractive alternative to artificial implants, 

which have a limited life span. In this biological approach, the combination of cells and 

biomaterials could produce tissue substitutes that fully integrate with the host tissue, are 

remodeled over time, and with that allow adaptation and growth in line with the patient‟s 

needs and lifestyle. 

The optimal physical properties of biomaterials for cartilage TE are, to date, mainly 

identified by trial and error methods for each promising material. To reduce this cost and 

labor intensive procedure and facilitate the intentional design of novel biomaterials, a 

fundamental knowledge about favorable physical properties needs to be obtained. 

The elasticity of a material was, hereby, shown to have a high influence on cellular 

behavior and may be tuned to optimize cell-material interactions. However, only little is 

known about the influence of elasticity on the chondrogenic phenotype and chondrocyte 

behavior. This thesis aims to help filling this gap through a comprehensive study about 

chondrocyte response to matrix elasticity. The studies, conducted in the scope of this 

thesis, should, hereby, cover the different possible scenarios in cartilage TE: chondrocyte 

culture in monolayer, chondrocyte culture in a 3D culture system and 3D redifferentiation 

of chondrocytes that were expanded in monolayer. To achieve this, four specific aims 

were formulated. 

Specific aim 1: The adaptation of a validated 2D model system to study chondrocyte 
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response to matrix elasticity in 2D monolayer culture. 

Specific aim 2: Test known 3D culture systems for their suitability to study stiffness 

sensing in 3D, identify possible pitfalls of this more complex setting and develop 

a suitable, well defined model system, if necessary. 

Specific aim 3: Investigate chondrocyte response to matrix elasticity in 3D culture. 

Specific aim 4: Investigate the influence of matrix elasticity on chondrocyte 

redifferentiation in 3D culture after monolayer expansion. 

1.2 Outline of the thesis 

 

The following five chapters introduce the area of research, highlight the gap of knowledge 

that should be filled in the scope of this thesis, address the formulated specific aims, and 

summarize the findings in a comprehensive synthesis. 

Chapter 2 provides the background for this work by introducing the field of cartilage TE 

and the current knowledge about cellular response to matrix elasticity in the 

broader field of skeletal TE. 

In Chapter 3, a 2D hydrogel system is adapted in which PA gels with different elasticities 

are modified with collagen type I to provide adhesion. This system is then 

applied to study chondrocyte response to matrix elasticity in 2D monolayer 

culture. 

Chapter 4 investigates the suitability of porous silk scaffolds with different pore sizes as a 

3D model system to study chondrocyte response to matrix elasticity. Porous silk 

scaffolds are produced through the application of differently sized porogens. The 

scaffolds are characterized with respect to pore size and mechanical properties 

and cultured with chondrocytes. The resulting TE constructs are then analyzed. 

In Chapter 5, knowledge from Chapter 4 is taken into account to develop a hydrogel 

system that provides an improved, well-defined environment to study 

chondrocyte stiffness sensing in 3D. Agarose-hydrogels with tunable elasticity 
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are, hereby, modified with the adhesion sequence RGD to enable active probing 

of the stiffness by the cells. Chondrocytes are then incorporated into modified 

hydrogels with different elasticities to study cellular response to matrix elasticity 

in 3D.  

Finally, the 3D hydrogel system is applied to study the differential effects of 

adhesion site density and matrix elasticity on the redifferentiation process of 

expanded chondrocytes. 

The thesis is concluded by Chapter 6 presenting a comprehensive synthesis of the thesis, 

including the established 2D and 3D model system, cellular response to matrix 

elasticity observed in the different systems, the limitations of the studies and 

possible future work. 
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2.1 Rationale for cartilage tissue 

engineering (TE) 

2.1.1 Cartilage 

Cartilage is a specialized soft tissue that is found in different parts of the body as, for 

instance, ear, nose or ribcages. Articular cartilage covers the surface of diarthroidal joints 

and fulfils essential mechanical functions as load bearing and shock absorption and 

provides a smooth surface for frictionless joint movements [14]. 

Cartilage is an avascular and alymphatic tissue that is mainly composed of a dense mesh 

of highly hydrated ECM (extracellular matrix). It contains only a single cell type, the 

chondrocyte, which is sparsely distributed in the ECM and obtains its nutrient supply 

through convective diffusion [1]. In joints, the tissue is organized into three zones with 

distinct ECM composition and organization and chondrocytes in the zones differ in 

proliferation rate and biosynthesis. 

 

Figure 2.1: Major constituents of cartilage. Chondrocytes 
are embedded in a matrix composed of hydrated 
proteoglycans and a constraining network of collagen fibrils. 
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Chondrocytes surround themselves with a territorial, pericellular matrix (PCM), thought 

to be mainly responsible for mechanotransduction, and an inter-territorial matrix 

providing mechanical strength to the bulk material [15]. The main constituents of the 

matrix are collagens, predominantly type II, and proteoglycans, mainly aggrecan (Figure 

2.1). Proteoglycans consist of a core protein and glycosaminoglycan (GAG) chains 

attached to it and can form large aggregates with the help of linker proteins. They are 

highly hydrated due to their negative charge and, with that, provide the compressive 

strength of cartilage [16]. Collagens organize into triple-helical structures and have the 

ability to form a fibrillar network [17]. The collageneous network constrains the swollen 

proteoglycan component and provides the tensile and shear properties of cartilage. The 

interplay of the different ECM components and the fluid, water phase provides cartilage 

with the ability to withstand very high compressive loads and the associated compressive 

and shear stresses [14]. 

2.1.2 Cartilage damage and current clinical solutions 

Cartilage has very limited ability for self repair due to the avascular nature of the tissue, 

the inability of mature chondrocytes to proliferate or change their biosynthesis, and the 

immobility of the cells. Even minor lesions can, therefore, pose a major problem and in a 

consequence disable joint movement and vastly restrict daily activities. Chondral injuries 

affect people of all ages but have different origins: lesions, due to acute trauma or 

repetitive micro-trauma, are the most frequent cause in younger people while degenerative 

joint diseases, as osteoarthritis, are the most common cause in older people [18]. 250,000 

knee and hip replacements are performed each year, alone in the United States [19]. 

However, total joint replacements have a limited life span and should only be performed 

when all other treatments failed. 

Several surgical treatments, aiming to relief pain and restore cartilage functionality have, 

therefore, been applied to avoid total or partial replacement of the knee joint. They can be 

divided into three categories: (1) symptomatic treatments, (2) procedures that facilitate 

access to the vascular system to initiate healing, and (3) tissue transplantation [20, 21]. 

The first category includes the debridement or lavage of cartilage [22] to minimize 
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mechanical problems as locking, catching, or crepitus, but provides only a temporary 

relief since repair is not stimulated [23]. 

The second category usually involves a penetration of the subchondral bone to allow all 

factors associated with the vascularization dependent healing process, most importantly 

mesenchymal stem cells (MSCs), to enter the damaged tissue. Different surgical methods 

are applied to achieve this, including microfracture, abrasion arthroplasty [24], Pridie 

drilling [25] and spongialization [26]. The outcome of these procedures is, however, highly 

variable and often leads to the development of fibrocartilage, with inferior mechanical 

properties and limited life-span, as compared to hyaline tissue [27]. 

To overcome the limitations of the above mentioned procedures, interest in the third 

category of cartilage repair, the formation or direct transplantation of tissue from 

autogenous or autologous sources, is constantly increasing. Transplantations of 

osteochondral plugs, taken from non-load bearing regions of the joint, are performed to 

facilitate integration of the cartilage through bone on bone healing. The application of 

mosaicplasties, where a collection of small osteochondral cylinders is assembled at the site 

of defect, was hereby shown to further improve the outcome of the transplantation, since 

the curvature of the articular surface could be reconstructed [28] (Figure 2.2 A). 

 

 

Figure 2.2: Cartilage repair: A: Application of osteochondral grafts to fill a defect. B: 
Autologous chondrocyte implantation. Chondrocytes are isolated from the patient, 
expanded, and introduced into the site of defect under a periostal flap. Images reprinted with 
permission from http://www.sosmed.org. 
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The most commonly applied cell based therapy is autologous chondrocyte transplantation 

(ACI) where chondrocytes are isolated from the patient, expanded in vitro, and injected 

into the site of defect that is then closed with a periostal flap [29] (Figure 2.2 B). While 

this method showed better clinical results than other procedures, especially in younger 

patients, it is still associated with certain complications, as chondrocyte leakage, 

detachment or hypertrophy of the periostal graft [30] and the formation of fibrocartilage. 

As a consequence, much effort has been spend on tissue engineering based solutions and 

the development of new generations of cell-based repair techniques [29]. 

The evolving field of TE is a highly interdisciplinary field that combines knowledge from 

materials science, biology, medicine and engineering. It aims to find an optimal 

 

Figure 2.3: Cartilage TE: 1: Cells are isolated from the patient. 2: They are 
combined with different scaffold materials and can be further stimulated through 
soluble factors or mechanical stimulation. 3: This leads to the formation of a 
tissue substitute 4: that is then reimplanted into the patient. 
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combination of cells, materials, soluble factors, and mechanical stimuli to produce a 

biological substitute that can integrate and grow with the patient (Figure 2.3). Research 

conducted in the field of cartilage TE involves the combination of different cell sources 

and a variety of materials. 

The optimal cell source for cartilage TE is still to be identified. Although fibroblasts [31, 

32] and embryonic stem cells [33-36] show chondrogenic capacity as well, chondrocytes 

and mesenchymal stem cells (MSCs) seem to have the highest potential for cartilage TE, 

to date. 

Chondrocytes have been widely applied as cell source for cartilage substitutes, as in ACI 

applications. Differentiated chondrocytes are characterized by a round morphology, 

produce collagen type II and proteoglycans and show a low proliferation rate. The main 

problem associated with chondrocytes as cell source is their limited availability. As 

mentioned above, cartilage is mainly composed of ECM and water. Chondrocytes 

account for only 5-10 % of the tissue [1] and have to be expanded before implant 

formation. During expansion in monolayer they change into a fibroblastoid phenotype in 

a process called dedifferentiation [37]. TE with these cells leads to the formation of 

fibrocartilage with inferior mechanical properties [9]. However, the dedifferentiation 

process can be reversed when cells are transferred into a suitable 3D environment [38]. 

MSCs have recently gained much interest as an alternative to autologous chondrocytes. 

Higher cell numbers can be obtained with a lower risk of donor site morbidity, since the 

cells can be isolated from different tissues of the patient, as bone marrow or adipose 

tissue [39, 40], and expanded in monolayer. Chondrogenesis of stem cells can be induced 

in 3D culture systems as pellet or micromass culture [41] or on different scaffold materials 

[42-44], and usually additionally requires media supplementation with soluble factors as 

TGF β [41]. While these cells are likely to play an increasingly important role in the future, 

TE cartilage with MSCs, so far, leads to constructs with inferior mechanical properties 

when compared with constructs formed with chondrocytes [45]. 

To immobilize and further instruct the cells for cartilage tissue formation, cells are 

combined with different supporting materials, so called scaffolds. These need to facilitate 

certain requirements for both in vitro tissue formation and implantation. Initially, easy cell 
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seeding procedures, maintained cell viability, proliferation and differentiation are crucial 

for tissue formation while in the long term, integration into the site of defect and 

controlled scaffold degradation are required to successfully substitute cartilage tissue. 

A number of different materials have been used for the formation of suitable scaffolds. 

Natural materials include protein based polymers such as collagen [46, 47] or silk fibroin 

[44, 48] and carbohydrate based polymers such as agarose [49-51], alginate [52, 53], 

chitosan [54] or hyaluronic acid [55]. Common synthetic materials are, for instance, 

poly(vinyl) alcohol [56] and poly(ethylene) glycol (PEG) [57-59]. These materials have 

been processed in many different ways: they have been mixed for conjugate formation 

[60, 61], modified with bioactive peptides [57, 62, 63] and manufactured into different 

forms such as fibers, sponges and hydrogels [1]. 

Much of the research, aiming to find the optimal material and manufacturing process, has 

been performed on a trial and error basis. The physical properties of a substrate, such as 

porosity [64-67], nanotopology [68, 69] and elasticity [70] have been shown to influence 

attachment, migration, differentiation and nutrient diffusion in a scaffold. To facilitate the 

intentional design of scaffolds for TE applications, systematic studies are needed that 

investigate the influence of isolated material properties on cellular behavior. 

This thesis investigates the role of matrix elasticity for cartilage TE. I hypothesized that 

chondrocytes sense the elasticity of the matrix and respond to it. To provide a context for 

this work, the following section will describe the current state of research about the 

principles of stiffness sensing and about the importance of matrix elasticity in the broader 

field of skeletal TE. 

2.2 Matrix elasticity in skeletal TE 

 

Interest in cellular response to the elasticity of a material emerged within the last few years 

as it became evident that this property plays a, so far underestimated, role not only for cell 

spreading and adhesion [71], but also for cellular proliferation and differentiation [7, 72]. 

Several 2D model systems have been developed to study the correlation of mechanical 
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properties and cellular behavior, and recently increasing effort has been made to transfer 

this knowledge into 3D systems. 

One fundamental issue in this field of research seems to be that the mechanical cues 

sensed by a cell during in vitro culture and expansion often do not match in vivo conditions. 

Common cell culture dishes, for instance, are significantly stiffer than most environments 

a cell would be surrounded by in the human body [73]. These discrepancies seem to have 

a high impact on cellular behavior in vitro. In fact, many cell types show cell type specific 

behavior when cultured on substrates with stiffness, viscoelastic properties and strength 

that match the conditions they would sense in their in vivo environment [74]. Studies on 

cytoskeleton formation, proliferation and differentiation [75-77] consequently show that 

responses towards elasticity are highly cell type specific. To produce functional tissue in in 

vitro culture, matching intrinsic mechanical properties need to be identified and may then 

be adapted to the respective cell type, and stage of development. 

2.2.1 Mechanisms responsible for stiffness sensing 

While the exact mechanisms by which cells respond to the stiffness of the ECM are still 

not completely understood, several components involved, have been identified and new 

experimental evidence is constantly emerging. Simplified, the elasticity of a substrate is 

defined by the amount of force necessary to induce a certain substrate deformation. As 

cells seem to “sense” this property and then adapt their behavior to the degree of stiffness 

[78] a potential stiffness sensor needs to fulfill at least two requirements. It needs the 

ability to pull at the matrix to actively probe its stiffness and it needs to facilitate a 

transformation of the derived mechanical information into a biochemical signal to induce 

a response [7]. 

Cells can probe their microenvironment through actin-myosin contractility which can be 

measured as cellular prestress. Nonmuscle myosins have been implied to be involved in 

this process of actively probing the matrix as they have the ability to tension cortical actin 

structures. Evidence for this hypothesis comes from a study from Engler et al. [7] where 

expression of nonmuscle myosin II A-C was shown to be affected by changes in matrix 

stiffness. Inhibiting its function by blebbistatin treatment suppressed the cellular response 
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towards this matrix property. Recent studies further confirmed the essential role of 

myosin type II for the response to matrix mechanics [79] and experimental evidence from 

muscle cells also indicates a synergistic action of Rho-A, a small GTPase that enhances 

actin contractility, and matrix compliance in governing cellular behavior [80]. 

The force needed for active probing of the microenvironment needs to be transmitted to 

the ECM via a direct physical link. Integrins are extended across the cell membrane and 

provide a link between the matrix on the extracellular side and the actin cytoskeleton -

associated with potential signaling molecules- on the intracellular side (reviewed in [81]). 

The application of forces to cytoskeleton-integrin-ECM connections leads to the 

maturation of focal adhesions (FAs) and organization of the cytoskeleton. Loss of force 

in return leads to the disassembly of FAs and stress fibers [82]. In the concrete context of 

stiffness sensing it was repeatedly shown that FAs grow from undetectable confuse 

 

 

Figure 2.4: Principles of a possible mechanism of stiffness 
sensing. The cell actively probes its environment and adapts 
its behavior, via a FA and cytoskeleton mediated pathway. 
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contacts to well defined adhesions with increasing substrate stiffness [7, 71]. Thus, the 

mechanism of stiffness sensing seems to involve force transmission over FAs. 

It has been hypothesized that components of the force signaling pathway must be located 

at the site of the cytoskeleton-integrin junction where the force is applied [82]. Friedland 

et al. very recently showed that the integrin α5β1 switches between two different states in 

response to myosin II generated intracellular tension [79] and subsequently leads to the 

activation of FA kinase. This kinase is then involved in the activation of different 

downstream signaling cascades [83]. 

Possible mechanisms on how the sensor could work have been post including its direct 

stimulation through cytoskeletal stretch (that can for instance cause protein folding or 

unfolding) or indirect stimulation through binding to a deformed force sensor component 

of the integrin-cytoskeleton complex [82]. Talin, a protein that links integrins to the 

cytoskeleton was shown to also undergo a conformational change in response to the 

application of force. This change leads to the exponation of binding sites for vinculin, a 

protein that is involved in cytoskeletal reorganization. 

The force balance paradigm states that integrins mediate a bidirectional force balance 

between the cell and its surrounding. It is based on mathematical models of tensegrity (for 

review see [84-86]) and implies that a change in matrix elasticity leads to a cytoskeletal 

adaption of the cell in order to compensate and re-establish the homeostatic balance. 

While the tensegrity hypotheses is still under discussion it has been clearly shown that 

cellular prestress increases with increasing matrix stiffness [87] and that a stiffer matrix 

also produces stiffer and increasingly tensed cells [7]. 

Taken together, all experimental evidence obtained so far hints towards a high importance 

of adhesion sites, actin cytoskeleton and integrin signaling in the cellular response towards 

matrix elasticity (Figure 2.4). Since all these factors are very different in a two-dimensional 

(2D) when compared to a three dimensional (3D) setting [88] it becomes evident that 

findings from 2D culture systems might not be easily transferable into a 3D environment. 

This stresses the need for validation in 3D settings. Several different 2D model systems 

for the analysis of stiffness sensing are evolving and recently much effort has been spend 

on bringing this research into the third dimension. 
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2.2.2 Model systems for the investigation of matrix elasticity 

Requirements and limitations of a tunable substrate 

The stiffness of a substrate can be altered in different ways. Matrices with different 

elasticities can be produced by altering the concentration of a material, differently 

crosslinking a material, or, in porous substrates altering pore number or size (Figure 2.5). 

To study the influence of substrate mechanics, an ideal system should fulfill several 

criteria: (1) The material should facilitate cellular attachment as cellular stiffness sensing 

seems to be mediated via FAs. (2) The mechanical properties should be stable and 

reproducible (3) Matrix elasticity should ideally be altered independently of all other 

material properties to truly contribute effects to the substrate mechanics. 

Obviously, the ideal system able to clearly fulfill all these requirements is hardly 

achievable. The last requirement, a segregation of substrate mechanics from all other 

 

 

Figure 2.5: Altering the stiffness of a scaffold. Changes in stiffnesses can be achieved through 
differently processing the original scaffold material: 1) Different concentrations of the original 
material can be applied. 2) The material can be physically or chemically crosslinked and 3) the 
bulk elasticity of porous scaffolds can be altered by varying the size and amount of pores. 
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material properties, is probably the most challenging one. 

Procedures that lead to an alteration in the Young‟s modulus of the substrate are always 

likely to also change other material properties. These properties, in turn, might account 

for a good part of the changes that are observed in cellular behavior. 

Which properties are affected depends on the material and the method by which the 

elastic modulus is altered. The availability of adhesion sites as well as the microstructure 

and nutrient diffusion rate are likely to be affected by many methods applied to change 

the elastic modulus. To judge the influence of elasticity changes, possible contributions of 

these factors need to be considered as well. 

Adhesion peptide density 

Especially in protein based matrices were an increase in stiffness may be achieved by 

elevating the overall protein concentration, a higher elastic modulus is often accompanied 

by a higher density of adhesion sites. Assuming that actin contractility is a central part of 

the stiffness sensing mechanism an alteration in adhesion site density might be an 

important problem. Besides a change in stiffness, actin contractility can also be directly 

influenced by changing the number of interactions with the substrate, thus, by changing 

the number of adhesion sites (Figure 2.6). An increase in adhesion site density was indeed 

shown to affect cytoskeleton organization [89], migration [90, 91], and differentiation [92] 

as shown in studies in which ligand density and substrate stiffness were altered 

independently. 

Studies with MSCs cultured in agarose modified with RGD showed that binding to this 

sequence promotes MSC spreading in a density dependent manner. A higher RGD 

density increased cytoskeletal organization and decreased the GAG deposition of cells 

cultured in chondrogenic medium. Expression of osteogenic marker proteins, in contrast, 

was enhanced [93]. Smooth muscle cells (SMCs) cultured in RGD-modified PEG-

hydrogels respond similarly. SMCs spread to a significantly higher degree on hydrogels 

with high ligand densities and increasing the RGD-density increased the relative area of 

FAs [93]. Test systems should therefore ideally provide the possibility to separately alter 

the mechanical properties and the ligand density of the material to clearly contribute 
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observed effects to either of them. The material could ideally also facilitate the coupling 

of different ECM ligands since the type of ligand bound is very likely to also influence 

cellular behavior [94, 95]. 

Microstructure and pore size 

When changing the mechanics of a substrate, not only adhesion sites but also the texture 

of the materials surface can be subject to change. This can have an impact on cellular 

behavior as well. PEG chain length for instance was shown to influence differentiation 

and cytoskeleton organization of chondrocytes [96]. The microstructure might also 

influence cellular shape and this, in turn, can influence cellular growth, proliferation [97] 

and differentiation [98]. When MSCs were cultured on micropatterned substrates in 

mixed media containing adipogenic and osteogenic differentiation factors, fibronectin 

islands that supported a round shape induced adipogenesis while islands that promoted a 

spread shape induced osteogenesis [98]. An additional structural factor that is likely to be 

 

 

 
Figure 2.6: Intracellular tension.  
Both, an increase in stiffness or in 
adhesion sites density increases the 
intracellular tension and cellular 
spreading. 
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affected by methods to change the stiffness is the pore size of a material. 

The average pore size of hydrogels, as well as its change related to increases in stiffness, is 

very material specific. PEG hydrogels as one example have been shown to have a very 

small pore size. Altering their stiffness from 34 to 1370 kPa therefore only increased the 

pore size from 40 to 140 Å [3]. This small size can be an advantage as the change is still in 

the range of Å in comparison to hydrogels from other materials such as silk [99] where 

pore size can vary in the range of nm when stiffness is altered. Recent experiments with 

PEG fibrinogen hydrogels, on the other hand, showed that cellular viability was only 

marginal in hydrogels of about 300 kPa due to the small pore size [70]. 

When porous systems are used, pore size changes in the range of hundreds of µm when 

stiffness is changed [10, 11, 100, 101]. Large differences in pore sizes might influence 

various factors governing cellular behavior. Bigger pore sizes, as well as a higher porosity, 

for instance enhance diffusion of serum factors and nutrients into the hydrogel [102-104]. 

Increased diffusion and possibly adsorption of serum factors can enhance cellular 

binding, and the increased availability of nutrients and serum factors may affect cellular 

metabolism and catabolism [58, 105]. Additionally, pore size can influence cellular 

ingrowth [67] and migration [106], determine the size of cell aggregates in the matrix [107] 

and even influence cellular differentiation [64, 108] and matrix production [3]. 

While it is hardly possible to totally avoid structural changes when altering the elastic 

modulus, it should be kept in mind that they might have an influence on the experimental 

outcome as well. A good model system should minimize effects from alteration of other 

material properties or alternatively provide control systems to segregate different effects 

from each other. 

2.2.3 Model systems 

The following section will discuss materials that have been used to study the influence of 

the matrix stiffness on cellular behavior. All systems have certain advantages and 

disadvantages and try to overcome the above mentioned limitations. 
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Porous systems 

Porous scaffolds with different stiffnesses can be produced through the application of 

different cross-linking methods [65, 100], different pore sizes [10, 11] and different 

porosities [109, 110]. Porous scaffolds from various synthetic and natural materials have 

been produced. Lee et al. [100] produced porous collagen-GAG scaffolds with 

compressive elastic moduli ranging from 145 to 1117 Pa by applying different chemical 

and physical crosslinking methods. The compressive modulus of silk scaffolds was shown 

to increase with decreasing pore size [10, 11] and a higher porosity of scaffolds is 

correlated with a decrease in stiffness [101, 109, 110]. However pore size and porosity 

have a high impact on cellular behavior (as described above) and crosslinking has been 

shown to also reduce the pore size and alter the morphology of cross-linked fibers [111]. 

Protein gels 

Protein based ECM gels with varying stiffnesses can, for instance, be produced by 

physically or chemically crosslinking different concentrations of the respective protein. 

The elastic shear modulus of the gels is thereby estimated as proportional to the square 

root of protein concentration [112]. One major drawback of this approach is that an 

increase in protein concentration is not only accompanied by changes in the stiffness of 

the gels but also inevitably alters the surface texture such as fiber thickness and density 

and the number of available adhesion sites [74]. Semler et al. [113] used glutaraldehyde to 

produce matrices with different compliance from constant protein concentrations in 

order to partly circumvent these limitations: The group applied basal and crosslinked 

matrigel to study differentiation and growth behavior of hepatocytes on protein gels with 

different mechanical properties. A different approach was applied by Wang et al. [114] for 

his work with Madin-Darby canine kidney cells. To investigate whether cells responded to 

the elastic modulus of collagen and matrigel gels rather than to the increase in available 

adhesion sites, the group additionally used a control system where thin layers of the 

proteins were layered on top of agarose and plastic culture dishes, mimicking substrates 

with different mechanical properties. In order to examine the influence of mechanical 

properties in the nanoscale range without altering integrin recognition and topography, 

hydrated and dehydrated collagen fibrils have also been applied [115]. 
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Inert natural matrices 

As mentioned earlier matrix stiffness, often measured as Young‟s modulus, should be 

altered independently of other substrate properties in an optimal system. A material that 

does not directly interact with the cells might be applied to achieve this. Among others, 

the polysaccharides alginate and agarose and the GAG hyaluronic acid have been used to 

produce hydrogels with different elastic moduli [116, 117] and all of these materials can 

theoretically be modified with adhesion sites [92, 118, 119]. Only alginate has, so far, been 

applied as a model system to study cellular response to substrate mechanics. 

Alginate is a linear polysaccharide copolymer of (1-4)-linked β-D-mannuronid acid (M) 

and a-L-guluronic acid (G) which is derived from sea algae. The M and G monomers are 

distributed in repeating or alternating blocks and the amount and distribution of the 

monomers is variable depending on the species, age and location of the seaweed [120]. 

The resulting batch to batch differences might be one disadvantage of alginate as a model 

system, making it necessary to test the hydrogels properties whenever a new batch is used. 

It has also been criticized that the purity of commercially available alginate is often not 

sufficient and may affect cellular behavior and induce immunological reactions [121]. The 

material is usually ionically crosslinked with the help of divalent cations (Ca²+, Ba2+, Mg2+) 

but gels can also be formed by covalent crosslinking, for instance with the help of the 

crosslinker adipic acid hydrazide (AAD) [122]. 

The elastic modulus of the alginate gels is determined by the alginate concentration, the 

crosslinker type and concentration, and the ratio and length of M and G blocks. Stiffness 

of the resulting gel increases with an increase in alginate and crosslinker concentration 

and a decrease in M/G ratio. Different hydrogels with elastic moduli ranging from 12 kPa 

to 150 kPa have been produced by varying these parameters [123, 124]. 

Another drawback of the material can be its mechanical stability: it has been shown that 

ionically crosslinked alginate gels undergo slow, uncontrolled dissolution through 

exchange of calcium ions. This results in the loss of stiffness over time: LeRoux et al. 

[125] investigated the mechanical properties of alginate gels in a NaCl-CaCl2 bath 

representative of the ionic environment in in vitro cell culture and found that the 

compressive modulus of the gels decreased by 63% after only 15 h in the bath. One 



BACKGROUND 

 

26 

approach to overcome this limitation is the production of covalently crosslinked alginate 

gels. Covalently crosslinked gels with different elastic moduli have also been produced by 

increasing the concentration of the cross-linker adipic acid hydrazide at a given M/G ratio 

[122]. 

To facilitate cellular attachment, the gel can be modified with adhesion motifs such as 

RGD [124]. Cells suspended in the gel do not directly adhere to the polysaccharide and 

proteins are not readily absorbed due its hydrophilic character. This makes a segregation 

of material mechanics and cellular adhesion possible. Modified alginate has been used to 

study the influence of matrix mechanics on stem cells, preosteoblastic cells [126] and 

chondrocytes [124]. 

Synthetic matrices - 2D 

Hydrogels made from synthetic polymers are an attractive alternative materials for TE 

applications as their chemical and mechanical properties are well defined and reproducible 

[120]. Different systems, suitable for the investigation of elasticity effects, have been 

developed, some of them valuable for 3D applications, some limited to applications in 2D 

systems. 

Silicone membranes are a model system to study the influence of substrate elasticity and 

also determine the force exerted by a cell to probe its surrounding in a 2D environment. 

A silicone membrane can be crosslinked by passing it through a Bunsen flame. Silicone 

substrates with different degrees of mechanical resistance were produced by modulating 

the flaming time. One disadvantage is that, to quantify resistance, each substrate has to be 

tested separately with calibrated microneedles. Visualization of the degree of substrate 

wrinkling together with a given resistance of the substrate provides information about the 

force created by the cell. This system has been used to study contractile forces exhibited 

by myofibroblasts [127, 128]. 

Polyacrylamide (PA) gels are another, very widely used, system for cell studies in a 2D 

setting. They can be coated with different adhesion molecules and the elastic modulus of 

the gels can be tuned by altering the linker concentration of the bis-acrylamide while 

keeping the total polymer concentration constant [129]. Adhesion proteins like collagen 
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and fibronectin can be covalently bound to the gel with the help of a heterobifunctional 

crosslinker. Due to the antiadhesive surface of PA gels no serum proteins and cell 

receptors can bind directly to the surface [6]. The number of adhesive molecules is 

independent of the substrate stiffness and can be controlled by coupling different 

concentrations of adhesive molecules to the gel [129]. Thus, it is possible to alter the 

substrate stiffness by an order of magnitude while leaving the other properties of the 

substrate constant. This system has been applied to investigate cytoskeleton formation, 

proliferation and differentiation behavior in studies that involve fibroblasts, endothelial 

cells, neutrophils [75], neuronal cells [77], myoblasts [6] and MSCs [76]. The main 

drawback of PA gels is the neurotoxicity of unpolymerized acrylamide, that impairs 

incorporation of cells into the gel [70], rendering it unsuitable as 3D-culture system. 

Synthetic matrices - 3D 

PEG is a synthetic bioinert polymer that can not only be used in 2D but also in 3D 

systems. To encapsulate cells in this material it can be crosslinked by introducing acrylates 

or methacrylates at each end of the polymer. Addition of a UV initiator to PEG acrylate 

and PEG methacrylate derivatives and short exposure to long wave UV-irradiation then 

leads to photopolymerization of the material. Other methods for cell encapsulation 

include enzymatic crosslinking of a precursor solution in the presence of cells [130] and 

the application of PEG-dithiol monomers [131]. 

The mechanical properties of the hydrogel are determined by the derivative 

concentration, the structure of the PEG monomers and the crosslinking density. 

Differently concentrated macromer solutions from 10% to 30% could, for instance, 

produce hydrogels with moduli from 30 kPa to 960 kPa [57] [3]. Different structures of 

PEG macromers have also been shown to significantly affect the mechanical properties 

of the hydrogel. The modulus was shown to increase with higher PEG chain length [132] 

and an increased number of PEG arms in star shaped PEG derivatives [131]. The 

crosslinking density of photopolymerizable hydrogels can for instance be changed by 

mixing different amounts of PEG diacrylate (PEGDA) with non-acrylated PEG [93, 133]. 

Due to the bioinert properties, PEG can serve as a blank that can be altered in many ways 

to obtain the desired functionality. Different cell adhesion motifs have been incorporated 
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onto the polymer backbone to mediate attachment to the hydrogel surface [93] and 

degradability has been altered, for instance, by the introduction of enzyme cleavage sites 

[134]. PEG hydrogels have been used as 2D and 3D systems together with many different 

cell types [57, 93, 133, 135-137]. 

Other synthetic materials as poly(vinyl alcohol) have also tunable mechanical properties 

and can be modified to provide adhesion [120] but have not been applied as model 

systems so far. 

 

2.2.4 Cellular response to matrix elasticity 

The following section will focus on research relevant for tissue engineering in the 

musculoskeletal system. Findings that might be of importance for the development of 

functional tissue from stem cells, progenitor cells or primary cells will be discussed with a 

focus on how elasticity influences on cellular differentiation and matrix formation. For 

additional information please refer to reviews from [74] and [70]. 

Bone 

Studies about the influence of mechanical stimuli on bone formation have so far been 

mainly focused on external mechanical stimulation, such as the application of fluid and 

shear stress [138]. The general susceptibility of these cells towards mechanical stimuli, 

however, indicates the potential responsiveness towards the elastic modulus as an intrinsic 

mechanical property of the scaffold. 

One possibility to generate bone-like-tissue from autologous cells is the isolation, 

expansion and osteogenic differentiation of MSCs. The microenvironment seems to play 

an important role in governing cell lineage specification, in this context with extreme 

sensitivity of the cells towards tissue-like elasticity: Engler et al. showed that, even without 

the addition of additional external factors, MSCs developed an osteogenic morphology 

when cultured on PA gels with a stiffness similar to the one of osteoid (25 to 40 kPa), the 

crosslinked collagen precursor of bone. Specification into an osteogenic lineage was 

further confirmed by ribonucleic acid (RNA) profiles of osteogenic markers, 
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immunostaining of osteogenic cytoskeletal marker proteins, and of transcriptional factors. 

The influence of the appropriate matrix elasticity on the expression of osteogenic marker 

proteins was even more pronounced than that produced by the application of osteogenic 

induction medium. Combining osteogenic induction medium and the right substrate 

compliance led to the highest level of osteogenic markers, indicating a synergistic action 

of ECM mechanics and soluble factors [7]. It also needs to be emphasized in this context 

that after several weeks in culture, on substrates with the respective elasticity, cells 

committed to the phenotype specified by the matrix compliance and could not be 

reprogrammed by soluble factors. This implies that it is not only possible to positively 

influence cellular differentiation with the right matrix compliance, but that the choice of 

the wrong compliance could also vastly limit the differentiation capacity of stem cells. 

However, there are no studies about the relevance of these results in a 3D environment. 

Hsiong et al. [126], furthermore, recently questioned these results and suggested that a 

predifferentiation of cells is necessary to facilitate a response to differences in matrix 

elasticity. The group used differently crosslinked alginate hydrogels to study the 

importance of the differentiation stage on cellular responsiveness towards matrix 

elasticity. They investigated matrix elasticity dependent changes in the proliferation rate as 

a measure for cellular responsiveness. Proliferation of a clonally derived stem cell line 

(D1), preosteoblasts (MC3T3-E1), and MSCs, cultured on alginate substrates with 

different stiffnesses were compared. The proliferation rate of MC3T3-E1 cells increased 

with increasing substrate stiffness, while proliferation of uncommitted D1 cells was not 

influenced by elasticity changes. Predifferentiation of the same cell line into osteogenic 

progenitor cells clearly increased their responsiveness to this matrix cue. The proliferation 

rate of MSCs also increased with increasing substrate stiffness with a magnitude 

intermediate to that of MC3T3-E1 cells and uncommitted D1 cells [126]. The authors, 

therefore, suggest that a predifferentiation of cells might be necessary in order to facilitate 

response to matrix mechanics. Nevertheless, the experimental setup might not be 

sufficient to link the differentiation stage to the changes in responsiveness, since the use 

of a particular cell line might be associated with some restrictions, and only osteogenic 

predifferentiation was analyzed. Additionally, no investigation of matrix production was 

performed which would be crucial for successful bone tissue formation. 
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Some general concerns remain regarding the investigation of elasticity sensing in primary 

stem cells since each isolation might also contain minorities of different other cell types. 

Therefore, it is important to note that in the case of primary MSCs, it is hardly possible to 

discriminate, whether the change in elasticity causes a commitment of the stem cells, or a 

selection and enhanced proliferation of specific progenitor cells already present in the 

isolation. 

Not only proliferation but also differentiation of preosteoblastic cells seems to be 

influenced by matrix compliance: In a first study, Khatiwalla et al. cultured MC3T3-E1 

cells on collagen type I coated PA gels with different elastic moduli (11.78 kPa, 21.6 kPa 

and 38.98 kPa) using polystyrene as the stiffest substrate. Stiffer substrates led to an 

increase in the assembly of actin stress fibers, and FAs, and higher proliferation rates of 

the cells [139]. Additionally, mineralization increased with increasing substrate stiffness 

with the highest degree of mineralization found on the polystyrene substrates, when 

cultured in the presence of osteogenic supplements. 

These results were confirmed with the help of RGD-modified PEG-hydrogels. Cells 

cultured on stiff PEG hydrogels (423,9 kPa) or rigid tissue culture polystyrene showed 

increased alcaline phosphatase (ALP) levels, osteocalcin and bone sialoprotein expression, 

when compared to cells grown on softer PEG gels (13.7kPa) [133]. This response to 

ECM elasticity seems to be mediated through a mitogen-activated protein kinase (MAPK) 

dependent pathway. MAPK expression was significantly higher on stiffer substrates and 

inhibiting its activity pharmacologically with PD98059 led to a decrease of ALP, 

osteocalcin and bone sialoprotein gene expression [140]. 

Combined, these findings indicate a supportive role of stiff substrates during osteogenic 

maturation in 2D culture systems, in a MAPK dependent manner. It has to be also noted, 

in this context, that the specific elastic modulus that enhanced osteogenic differentiation 

was different for MSCs and MC3T3-E1. While MSCs only specified into the osteogenic 

lineage upon culture on substrates of ~40 kPa, and not on stiffer substrates or glass, 

osteogenic maturation of preosteoblastic cells was enhanced on very stiff substrates and 

polystyrene. Whether these differences have a physiological background such as, for 

instance, the change of elasticity the cell experiences during bone calcification [141], or if 
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they are derived from different experimental setups, remains unclear. 

All of these results also still lack a confirmation in 3D settings to show their relevance for 

tissue engineering applications. The finding that osteoblasts contract hydrated collagen to 

half of its size within 24h [142] might hint towards a preference for a dense, and therefore 

stiff, microenvironment. Buxton et al. [4] just recently applied compressed, and thus 

dense, collagen type I to investigate whether the dense material, with a stiffness 

mimicking the one of osteoid, can facilitate the maturation of primary preosteoblasts. 

Cells cultured in the dense collagen matrices showed enhanced survival and 

differentiation, in comparison to hydrated collagen, indicating that the denser osteoid like 

matrix supports osteogenic differentiation. 

One possible explanation for a positive effect of stiff matrices on osteogenesis might be 

the higher cytoskeletal tension built up on stiffer substrates. The important role of 

intracellular tension for osteogenesis was stressed in an experimental setting were cellular 

fate was determined by the shape the cell was allowed to adopt. Cells were cultured in 

mixed media containing both, adipogenic and osteogenic differentiation factors and on 

micropatterned substrates that allowed either a round or a spread shape. Cells that were 

allowed to spread underwent osteogenesis; those that were restricted to a round shape 

underwent adipogenesis. Increasing intracellular tension through constitutive expression 

of Rho A, however, induced osteogenic differentiation even when cells were restricted to 

the round shape. Agents that disrupted actin mediated contractility in turn inhibited 

osteogenesis [98]. Increasing the number of available adhesion sites, as another possibility 

to increase cellular spreading and intracellular tension, also significantly increased 

osteogenic differentiation of MSCs in a 3D environment as shown in RGD-modified 

PEG hydrogels [143]. Taken together, these findings might confirm a role of intracellular 

tension. 

Muscle 

ECM mechanics are likely to play an important role in the development of contractile 

cells, such as muscle cells, as the ability of myocytes to contract the underlying matrix 

depends on the stiffness of the matrix and the cells attached to it. Additionally, as many 

muscular disorders are associated with an abnormal compliance of the tissue, it has been 
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repeatedly hypothesized, that this mechanical property might be of high importance for 

the accurate differentiation of muscle cells. 

Two different types of muscle are part of the musculoskeletal system: smooth muscles 

and striated muscles. One problem that arises during TE of smooth muscle is that SMCs 

undergo a transition from their differentiated, contractile phenotype into a synthetic 

phenotype upon expansion on rigid tissue culture plastic [144]. The synthetic phenotype 

is characterized by a fibroblast-like appearance, an increased proliferation rate, and 

enhanced collagen production. The cells lose their ability to contract, and excessive 

collagen production can lead to the formation of functionally limited scar tissue [80]. 

Matrix chemistry [145] and mechanical properties [93, 146] seem to vastly influence the 

phenotype of SMCs, rendering them valuable tools for inhibiting dedifferentiation of the 

contractile phenotype, in order to create functional tissue. 

Different studies, indeed, indicate that myogenesis of MSCs [7], as well as the behavior of 

smooth and also skeletal muscle cells, is affected by this matrix property. SMCs were 

shown to adapt their cytoskeletal organization, morphology, and adhesion sites to the 

stiffness of collagen type I coated PA gels. They remained round with monomeric actin 

and without observable FAs on soft substrates, but showed a well spread morphology 

with typically well-ordered stress fibers and clearly observable FAs on stiffer substrates 

and rigid glass [90]. Differences in proliferation and spreading of aortic SMCs were also 

observed when cells were cultured on either hydrated or dehydrated collagen fibers, that 

appeared to be similar in topology, but not in their mechanical properties. SMCs seem to 

spread and proliferate extensively on dehydrated, and, therefore, stiffer collagen fibers, 

which contrasts their behavior on fully hydrated fibers [115]. 

Peyton et al. [93] applied functionalized PEG hydrogels to show that the increased 

cytoskeletal organization and higher proliferation rate is accompanied by a decrease in the 

expression of contractile markers, as shown by the extent of smooth muscle α-actin 

bundling, and the degree of calponin and caldesmon association with actin fibers. Taken 

together, these findings could be interpreted as a transition into the synthetic phenotype 

upon culture on stiffer substrate and a supportive effect of the compliant substrates (13.7 

kPa) on the differentiated phenotype. 
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The influence of substrate mechanics, and a favorable influence of this elasticity range on 

the differentiated phenotype, could also be confirmed in an independent study with 

skeletal muscle cells [6]. Culturing C2C12 skeletal myoblasts on collagen strips attached to 

PA gels of varying elasticity, or glass, showed that striation of the cells is highly dependent 

on tissue-like substrate elasticity. In this study, the elastic modulus of myotubes was 

measured to be about 12 kPa. Growing cells on top of a layer of myotubes or on 

substrates with an elasticity equivalent to the myotube elasticity (~12 kPa), led to accurate 

cellular differentiation and striation [6]. Cells cultured on very soft or stiff substrates, in 

contrast, fused into myotubes, but they did not develop myosin/actin striations. 

Matrix elasticity seems to be of equal importance during the early stages of myogenic 

differentiation. As mentioned earlier, osteogenesis could be induced by growing MSCs on 

PA substrates with elasticity comparable to the one of osteoid. Accordingly, culturing the 

MSCs on PA gels, mimicking the modulus of striated muscle (~8-17 kPa) induced 

differentiation into myogenic precursor cells even in the absence of soluble myogenic 

factors. This effect could not be reversed by the addition of soluble factors after 3 weeks 

of culture on the corresponding substrate. The highest expression of myogenic marker 

proteins was achieved with a combination of the right substrate elasticity and soluble 

myogenic factors [7]. 

Experiments in a 3D environment have so far mainly been performed in modified PEG 

hydrogels. As mentioned earlier, the range of elastic moduli that can be produced is very 

limited through the small pore size of these gels that impairs cellular spreading and vastly 

reduces viability in stiffer gels. Studies with matrix-metalloproteinase (MMP) degradable 

PEG hydrogels of varying stiffness showed that although MSCs and SMCs were viable in 

stiffer gels, cellular spreading and proliferation was only possible in very soft hydrogels 

with a high density of RGD adhesion. Nevertheless, culturing SMCs and MSCs in these 

soft hydrogels led to an upregulation of markers associated with a less synthetic SMC 

phenotype, when compared to cells cultured on cell culture plastic [146]. 

In a similar setting, with SMCs incorporated in RGD-modified PEG hydrogels with 

compressive moduli of ~86 kPa and ~386.5 kPa cells expressed low levels of contractile 

markers but viability was only marginal, and cellular spreading not observable under any 
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of the conditions [93]. 

In a subsequent study less dense PEG-conjugated fibrinogen based hydrogels with a 

much softer range of ~0.5 kPa to ~5 kPa were investigated [80]. Viability was significantly 

higher than in RGD-modified PEG hydrogels and a relatively small influence of substrate 

mechanics on cellular spreading and F-actin bundling could be observed after prolonged 

culture of the cells. However, in contrast to findings from experiments in 2D, cells were 

not significantly spread in soft or stiff hydrogels after 24 hours, and vinculin expression 

and assembly into focal adhesions was not seen under any of the 3D conditions. 

Increasing intracellular tension by constitutively overexpressing the active form of Rho A 

increased the sensitivity to substrate mechanics in this 3D system: Vinculin expression 

levels increased with increasing substrate stiffness, and a possible transition from a 

synthetic to a contractile phenotype was observed. Overexpression of Rho A alone was 

enough to increase the expression of markers of a contractile phenotype (α-actin and 

calmodulin) and to reduce cellular proliferation in all hydrogels. Increasing the stiffness of 

the substrate additionally led to a significant increase in the expression of α-actin and 

calmodulin. A possible explanation for the necessity of Rho A overexpression to induce a 

response to matrix compliance could be the restriction to a significantly softer range of 

elastic moduli than applied in 2D. The induction of an additional increase in intracellular 

tension through the overexpression of Rho A, might then enable the formation of stress 

fibers, and focal adhesions necessary for a cellular response towards matrix compliance. 

Taken together, the myogenic phenotype seems to be supported by muscle-like elasticity 

in 2D culture systems. However, so far, these findings could not be directly transferred 

into 3D culture systems. 

Cartilage 

As described in the first section of this chapter, cartilage substitutes can be formed with 

the help of MSCs or chondrocytes. Only few studies about chondrocyte stiffness sensing 

exist and most of them are restricted to 2D culture systems. 

Genes et al. crosslinked RGD modified alginate with different concentrations of CaCl2 

and BaCl2 in order to produce gels with different degrees of stiffness [124]. They found 

that chondrocytes, cultured on alginate discs with higher stiffness, showed an increased 
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attachment rate, a flattened morphology, and enhanced actin organization, when 

compared to chondrocytes cultured on softer substrates. Culture of canine chondrocytes, 

on chitosan crosslinked with different concentrations of a functional diepoxide (1,4 

butanediol diglycidyl ether) to obtain compressive moduli from 3.8 to 19.9 kPa confirmed 

an increased spreading and proliferation on stiff substrates [147]. 

Investigation of the influence of matrix elasticity on chondrogenic differentiation and 

ECM production in 3D systems has not been very comprehensive so far. Chondrocyte 

culture in tunable hydrogels has so far been limited to hydrogels, in which adhesion was 

not enabled. Two studies with differently crosslinked PEG hydrogels hereby showed that 

the crosslinking density has an effect on chondrocyte matrix deposition with a more 

homogeneous distribution and higher amounts of collagen type II in loosely crosslinked 

gels [3, 131]. Both approaches did not involve the incorporation of any adhesion sites into 

the material. As PEG is an inert material, this implies that the observed differences were 

not caused by adhesion-mediated elasticity sensing. 

Studies with porous collagen GAG scaffolds revealed that chondrocytes express the gene 

for the contractile protein α-smooth-muscle actin. They were shown to actively pull at the 

scaffold and even contract it to a visible extent. Loosely crosslinked sponges that could be 

contracted by the cells led to higher cell densities and collagen type II densities, when 

compared to tightly crosslinked scaffolds [65]. Although these findings could be 

interpreted as elasticity effects, homogeneity and the segregation of substrate mechanics 

and adhesion sites is not given in protein sponges. This makes a contribution of the 

observed effects to elasticity sensing difficult [65]. Although first indications for an 

influence of substrate mechanics on chondrocyte behavior can be found, comprehensive 

studies about the influence of this property on the chondrogenic phenotype are still 

lacking. 
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2.2.5 Conclusions 

Matrix elasticity plays an important role in the context of tissue engineering in the 

musculoskeletal system, in a very tissue specific way. Studies in 2D culture systems 

showed that stiffer substrates seem to promote the osteogenic phenotype while substrates 

with an elasticity of muscle tissue (~13 kPa) promote the myogenic phenotype. Studies on 

which elasticity supports the chondrogenic phenotype are still lacking (Figure 2.7). Most 

experimental evidence about cellular response to matrix elasticity is derived from 2D 

culture systems, thus, from systems where cells are cultured in monolayer on top of 

substrates with different elasticities. It is now of high importance to see how far 

experimental evidence from 2D systems can be transferred into a 3D environment to 

clearly assess the consequences for the generation of functional tissue from primary or 

precursor cells. 

 

Figure 2.7: Response to substrate stiffness of cells from the musculoskeletal system. 
Advantageous elasticities are highlighted in yellow. Substrate stiffness that supports the 
differentiated phenotype differs between the cell types. The osteogenic phenotype is supported 
by stiff (≥40 kPa) substrates. The myogenic phenotype is supported by tissue like elasticity of 
about 13 kPa. The optimal stiffness for supporting the chondrogenic phenotype is not known.  
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3.1 Adaptation of a validated 2D PA 

system 

3.1.1 Introduction 

While interest in the investigation of the effect of substrate elasticity on cellular behavior 

is constantly increasing, the applicability of the different systems that can be used for this 

investigation is still under discussion. When changing the mechanics of a substrate, other 

properties such as pore size, permeability, and adhesion site density are likely to be 

affected as well. These changes might, in turn, contribute to the observed effects. One 

advantage of PA gels, produced according to the method described by Pelham and Wang 

[129], is that they have been widely applied, and have been very well characterized during 

numerous other studies that investigated the influence of matrix mechanics on cellular 

behavior [6, 71, 129, 148]. As it is a 2D culture system, pore size and permeability are not 

likely to influence cellular behavior, as cells are not incorporated into the material. 

The elastic modulus can be tuned independently of adhesion sites by the controlled 

coupling of adhesion molecules to the polymerized gels [129], and due to the antiadhesive 

surface of PA gels, no serum proteins and cell receptors can bind directly to the surface 

[6]. 

To examine if I can produce substrates with different elasticities with this methos, PA gels 

with different cross-linking densities were produced and their mechanical properties were 

determined. 

3.1.2 Materials and Methods 

Production of PA gels  

PA gels with tunable elasticity were produced under sterile conditions according to a 

protocol published by Pelham and Wang [129]. Briefly, 50 µl acrylamide/bis-acrylamide 

mixtures containing 10% acrylamide and 0.01% to 0.55% bis-acrylamide (both from 

Sigma, München, Germany) were polymerized on aminosilanized glass coverslips (45x50 
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mm rectangular, HASSA, Lübeck, Germany) using 1/250 volume of 10% ammonium 

persulfate and 1/500 volume of N,N,N',N'-tetramethyl-ethane-1,2-diamine (both Roth, 

Wiesbaden, Germany). Aminosilonized coverslips were placed on the solution to produce 

a smooth gel surface; the coverslips were then removed after polymerization. Gels were 

briefly washed in 50 mM HEPES (Roth, Wiesbaden, Germany), placed in rectangular cell 

culture dishes (Nunc, Wiesbaden, Germany), and 300 µl of 50 mM sulfosuccinimidyl 6 

(4‟-azido-2‟-nitrophenyl-amino) hexanoate (sulfo-SANPAH; Pierce, Rockford USA) in 50 

mM 2-[4-(2-hydroxyethyl)piperazin-1-yl]ethanesulfonic acid (HEPES) was layered on top. 

Dishes were placed under UV light (15 W and 312 nm) under a sterile bench at a distance 

of 10 cm for 8 minutes to activate the crosslinker. 

The photoactivation procedure was repeated; gels were quickly washed with 50 mM 

HEPES, and incubated in a 0.2 mg/ml solution of collagen type I (BD Biosciences, 

Heidelberg, Germany) overnight at 4°C on a shaker. Matrices were washed and stored at 

4°C in phosphate buffered saline (PBS) for up to three days. 

Characterization of the PA gels 

Twelve different compositions of PA gels with 10% acrylamide and 0.01% to 0.55% bis-

acrylamide were produced.  

To determine the Young‟s modulus of the gels, atomic force microscopy (MFP 3D, 

Asylum Research, Santa Barbara, CA, USA) was applied [149]. CSG-11 B cantilevers 

(NT-MDT, Moscow, Russia) were used for all experiments. The spring constants were 

determined using the thermal fluctuation method, leading to spring constants of about 60 

mN/m. The diameters of the cantilever tips were determined by scanning a calibration 

sample (Nioprobe, Aurora NanoDevices Inc., Edmonton, AB, Canada). Assuming a 

spherical tip, the radius can be determined [150] as approximately 15 nm for the used 

cantilevers. Force maps with 15 x 15 points in an area of 10 x 10 µm2 were recorded with 

a pulling velocity of 1 µm/s. The Young‟s modulus was determined for each curve using 

the Hertz model [151] of a paraboloid with a Poisson ratio of 0.34 [152]. The mean values 

and the standard deviation were calculated from the histograms of the respective values 

for the Young‟s modulus. 
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3.1.3 Results 

Collagen coated PA matrices were produced according to a previously published protocol 

[129] and the mechanical properties were determined by atomic force microscopy (AFM).  

Gels with twelve bis-acrylamide concentrations between 0.01% and 0.5% were tested, 

while leaving the acrylamide (AA) concentration at a constant concentration of 10%. 

Figure 2.1 representatively shows two force curves (Figure 3.1A) and the values for the 

Young‟s modulus of the respective gels used in this study (Figure 3.1B). There was an 

almost linear correlation between the amount of bis-acrylamide in the gel and the Young‟s 

modulus with a slope of 200 ± 17 kPa/% bis and substrates with Young‟s moduli ranging 

from about 4 to 100 kPa could be produced. 

3.1.4 Discussion 

PA gels with Young‟s moduli of 4 to 100 kPa were produced by using different cross-

linker concentrations. PA gels provide a well characterized model system to study cellular 

stiffness sensing in a 2D environment. Many different groups have repeatedly investigated 

 

Figure 3.1: AFM measurements of PA-gels. A: Two representative force curves obtained from 
gels with 10% acrylamide and 0.05% or 0.26% bis-acrylamide-crosslinker. B: The elastic 
modulus of PA-gels with different amounts of bis-acrylamide crosslinker and a constant 10% 
of acrylamide. 
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whether differences of collagen type I concentration and accessibility are observed on PA 

gels with different bis-acrylamide crosslinking densities. In theory, cross-linking density 

might affect ligand binding and maintenance on the gel. Additionally, a variation in gel 

porosity, due to different crosslinking densities, might also cause migration of adhesion 

proteins into the softer gels, thereby affecting accessibility of the ligand. 

Pelham and Wang determined the relative amount of collagen type I with the use of 

collagen type I antibodies [71] to demonstrate that the amount of coupled ligand is not 

affected by differences in crosslinking densities. Other research groups showed 

independently that ligand accessibility is not influenced: Lo et al. applied secondary 

antibodies coupled to micron sized beads, much bigger than the pores of the gels. Binding 

of the secondary antibody to collagen type I antibody was not affected by the crosslinking 

density demonstrating that accessibility of the ligand is not influenced by the amount of 

bis-acrylamide in the gel [148]. Additionally, collagen type I antibodies were used to show 

that collagen type I concentration does not change with time in cell culture, neither on 

very soft, nor on very stiff substrates [129]. 

Since the response of different cell types to matrix elasticity has been studied using this 

system, it additionally allows a direct evaluation of differences and similarities in cellular 

response to matrix elasticity. The following section will apply this system to study 

chondrocyte response to matrix elasticity in 2D. 

3.2 Chondrocyte response to matrix 

elasticity in 2D 

3.2.1 Introduction 

Studies on cytoskeleton formation, proliferation and differentiation that involve many 

different cell types, including fibroblasts, neutrophils [75], neuronal cells [77] and 

mesenchymal stem cells [76], showed that cellular response towards differences in 

elasticity is highly cell type dependent.  
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Investigations of stiffness sensing in chondrocytes has so far been limited to studies with 

ionically crosslinked, RGD modified alginate [124] and differently crosslinked chitosan 

[147]. On alginate cells showed an increased cellular attachment rate, spreading, and actin 

organization on stiffer substrates. The study with chitosan confirmed these results and 

also found that after seven days in culture, the deoxyribonucleic acid (DNA) yield and 

therefore cellular number, was higher on stiffer substrates.  

While the authors of the latter publication imply that the stiffer substrates are 

advantageous for TE applications, as the overall cell number is increased, the effect of the 

mechanical properties on the chondrogenic phenotype was not investigated in either of 

the studies. Because an increase in proliferation and an altered morphology are thought to 

be associated with a phenotypical change of the chondrocyte, [153] the aim was to 

 

Figure 3.2: Dedifferentiation of chondrocytes. After isolation (1) chondrocytes 
need to be expanded (2). They, hereby, change their phenotype indicated by a 
spread morphology (3), an increase in proliferation (4) and an altered ECM 
production (5). 
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investigate the influence of matrix stiffness, not only on proliferation and morphology, 

but also on the differentiation state of chondrocytes. 

Upon expansion in an adherent monolayer, for instance prior to autologous implantation 

in tissue engineering applications, chondrocytes progressively lose their chondrogenic 

phenotype and develop a fibroblast-like phenotype over time [50]. 

This process, typically described as dedifferentiation, is accompanied by changes in gene 

expression and protein synthesis, for example an increase of collagen type I and a 

decrease of collagen type II and aggrecan expression [154] (Figure 3.2).  

In contrast to differentiated chondrocytes [155], the cytoskeleton of cells with a 

dedifferentiated phenotype is highly organized and characterized by the development of 

stress fibers [156]. Conditions that encourage cytoskeleton enforcement and cell flattening 

are therefore supposed to enhance chondrocyte dedifferentiation [155]. The success of 

autologous transplants, however, seems to depend on the ability of the cells to produce a 

hyaline matrix containing collagen type II [9]. Thus, it depends on maintaining the matrix 

production associated with the fully differentiated chondrogenic phenotype. 

I hypothesized that substrates with a lower elastic modulus can help to maintain the 

chondrogenic phenotype, possibly by supporting the round morphology. The well-

characterized PA gel system [6, 7, 71, 90, 129] was applied to investigate the morphology, 

proliferation and differentiation of chondrocytes cultured on substrates with different 

elastic moduli. 

 

3.2.2 Materials and Methods 

PA gels 

PA gels were prepared and characterized as described in the previous section of the 

chapter. Out of the twelve compositions tested, four different bis-acrylamide crosslinker 

concentrations 0.01%, 0.07%, 0.2% bis and 0.5% bis were chosen for cell culture 

experiments, yielding Young‟s moduli of approximately 4 kPa, 10 kPa, 40 kPa and 100 

kPa, representative for a range of elastic moduli. 
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Prior to plating, culture dishes with matrices were sterilized under the UV light of a sterile 

bench for 20 min and subsequently soaked in complete culture medium at 37°C for one 

hour. 

Cell Culture 

Porcine chondrocytes were isolated from the condyles of three to six month old pigs 

obtained from a local slaughterhouse. An average of five condyles was used for each 

isolation. The articular cartilage was excised from the condyles under aseptic conditions, 

washed with PBS, and digested using 30 ml of a mix of hyaluronidase (33.34 u/ml, Roche, 

Mannheim, Germany), collagenase type II (333.34 u/ml, Roche, Mannheim, Germany) 

and collagenase P (1 u/ml, Worthington, Lakewood, USA) in culture medium RPMI 1640 

culture medium (2.0 g/l NaHCO3, 25 mM HEPES, 5.5 g/l NaCl), supplemented with 

10% fetal calf serum (FCS), penicillin/streptomycin 100 u/ml (all from Biochrom, Berlin, 

Germany)] per 10 g of cartilage. Enzymatic digestion was performed overnight in spinner 

flasks (Wheaton, Atlanta, USA) at 37°C and 5% CO2. 

The solution was filtered through a 100 µm cell strainer (BD Bioscience, Heidelberg, 

Germany) and centrifuged at 1400 rpm for 10 minutes. The supernatant was disposed; the 

pellet was resuspended in PBS and centrifuged for another 10 minutes at 1400 rpm. After 

repeating the washing step twice, cells were resuspended in culture medium. The cell 

viability was determined by trypan blue dye (Biochrom, Berlin, Germany) exclusion and 

cells were counted with the aid of a Thoma counting chamber. Cells were plated at 30 x 

106 per 150 cm2 cell culture flask (TPP, Trasadingen, Switzerland) and allowed to attach 

overnight to maintain only viable cells. After 24 hours they were detached by 

trypsinization, centrifuged at 1400 rpm, counted and assessed for viability by trypan blue 

dye exclusion, resuspended in RPMI media supplemented with 20% FCS and 10% 

dimethylsulfoxide (Roth, Karlsruhe, Germany) at 10x106 cells/ml, and frozen in liquid 

nitrogen for storage. Viability was between 97% and 99% for all isolations used. 

Upon thawing, 20 x 106 chondrocytes were plated overnight in a 75 cm2 cell culture flask 

(Biochrom, Berlin, Germany). Additional cells were plated overnight on cell culture Petri 

dishes with the same density for further characterization. Cells on the Petri dishes were 

stained for collagen type II, to confirm that they were fully differentiated before seeding 
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on the matrices. Cells from the 75 cm2 cell culture flask were seeded on matrices with a 

density of 5000 cells/cm² after trypsinization (Trypsin/EDTA, PAA, Cölbe, Germany), 

viability assessment (97%-99% viability), and counting.  

All the samples for one experiment were seeded with cells from the same isolation. 

Chondrocytes were cultured on PA gels for up to seven days in culture medium 

supplemented with 35 mM ascorbic acid-2P (Sigma, Karlsruhe, Germany) to facilitate 

ECM production [157, 158]. 

Immunofluorescence staining 

All samples were analyzed with the microscope Axioskop (ZEISS, Oberkochen, 

Germany) using the acquisition software Axiovision (ZEISS, Oberkochen, Germany). 

Collagen type II 

Chondrocyte seeded matrices were rinsed with PBS, fixed for 5 minutes with pre cooled 

(–20 °C) methanol-acetone (7:3, Sigma, Karlsruhe, Germany) and washed with PBS. Non-

specific binding was blocked with 7.5% bovine serum albumin in PBS. Specimens were 

incubated with the primary antibody for 1 hour at 37°C in a humidified chamber, washed 

extensively, and incubated with the secondary antibody under the same conditions. The 

primary antibody against collagen type II (II-II-6B3, Developmental Studies Hybridoma 

Bank, University of Iowa, USA) was applied in PBS with a dilution of 1:50. Negative 

controls were incubated in PBS only. Detection in samples, as well as in negative controls, 

was performed with Fluoresceinisothiocyanat (FITC)-conjugated goat anti-mouse IgG 

(DIANOVA, Hamburg, Germany) diluted 1:200 in PBS. Nuclei were counterstained with 

4',6-Diamidino-2-phenylindol (DAPI, Sigma, München, Germany) diluted in PBS 1:1000, 

washed extensively with PBS, embedded in Vectashield mounting medium (Alexis, 

Grünfeld, Germany) and sealed with clear nail polish solution. 

F-actin staining 

Chondrocyte seeded matrices were washed with PBST (PBS with 0.1 v/v% Triton-X-100) 

and fixed for 1 hour at 37°C with 100 mM HEPES (Sigma, Karlsruhe, Germany 50 mM 

Ethylene glycol-bis(2-aminoethylether)-N,N,N′,N′-tetraacetic acid (EGTA, Sigma, 

Karlsruhe, Germany), 10 mM MgSO4, 2 v/v% Formaldehyde, and 0.2 v/v % Triton X-

100. Samples were washed with PBST three times for ten minutes, and actin was stained 
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with Alexa-488 labeled phalloidin (Invitrogen, Karlsruhe, Germany) 1:200 in PBS, 3% 

bovine serum albumine (BSA), and 0.1% Triton X-100 at 37° for 1 hour. Nuclei were 

stained with DAPI, 1:1000 in PBS for ten minutes at 37°C. After washing three times for 

ten minutes in PBS, samples were embedded in Vectashield mounting medium and sealed 

with clear nail polish solution. 

Ten images at tenfold magnification were obtained at random positions of each sample, 

and the cell number and fraction of round cells was counted. 

Proliferation tests 

Proliferation was assessed at subconfluency after 3 days in culture using a 5-Bromo-2'-

deoxy-uridine (BrdU) labeling and detection kit (Roche, Mannheim, Germany). The kit 

detects BrdU-labeled DNA with an anti-BrdU antibody, which is then visualized with a 

fluorescein-labeled secondary antibody. Immunofluorescence staining for BrdU was 

performed according to the manufacturers‟ instructions. Briefly, chondrocyte seeded 

Table 3.1: PCR primers 

Gene Primer (forward & reverse) concentration 

[nm] 

fragment 

length [bp] 

tm [°C] 

18S 5’-CGC GGT TCT ATT TTG 

TTG GT-3’ 

100  

219 

55.3 

 5’-AGT CGG CAT CGT TTA 

TGG TC-3’ 

300 57.3 

Collagen 

type I 

5’-AAT CAC CTG CGT ACA 

GAA CGG-3’ 

100  

120 

61.3 

 5’-TCG TCA CAG ATC ACG 

TCA TCG-3’ 

100 61.3 

Collagen 

type II 

5’-CTC CTG GAG CAT CTG 

GAG AC-3’ 

50  

152 

61.4 

 5’-ACC ACG ATC ACC CTT 

GAC TC-3’ 

50 59.4 

Aggrecan 5’-GCA TCT GGG TCT CCT 

GAC AT-3’ 

300  

224 

59.4 

 5’-ACG CCA GAA AGA ACT 

CCT GA-3’ 

50 57.3 

 
Sequences, applied concentrations, product fragment length, and melting temperatures (tm) of 
applied primers. 
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matrices were cultured in BrdU supplemented medium for one hour, washed, fixed and 

incubated with an anti-BrdU antibody at 37°C for 30 minutes. After washing with PBS, 

specimens were incubated with an FITC-conjugated secondary antibody (1:20) for 30 

minutes at 37°C, washed, embedded in Vectashield mounting medium and sealed with 

clear nail polish solution. 

For each sample ten images at tenfold magnification were obtained, and BrdU-positive 

cells were counted against DAPI positive cells to obtain the fraction of proliferating 

versus non-proliferating cells.To normalize for differences between donor animals, values 

were displayed as percentage of maximal proliferation in the respective experiment. 

Detection of gene expression by semi-quantitative reverse transcriptase 
polymerase chain reasction (RT-PCR) 

RNA was isolated using an RNA isolation kit (Macherey & Nagel, Düren, Germany). The 

manufacturers‟ protocol was slightly altered to obtain RNA from the PA matrices. 

Samples were washed with PBS and 300µl RNA Lysis buffer with 0.1% ß-

mercaptoethanol was added to the sample. After 30 seconds incubation time, lysed cells 

were transferred to a 1.5 ml Eppendorf tube and processed according to the 

manufacturers‟ protocol. RNA concentration was measured using an RNA assay kit 

(Quant-iTTM RNA Assay Kit, Invitrogen, Karlsruhe, Germany) and determined in the 

QubitTM fluorometer (Invitrogen, Karlsruhe, Germany). 

150 ng RNA per sample were reverse transcribed using oligo-dT primer and Superscript 

II reverse transcriptase (Invitrogen, Karlsruhe, Germany) following the manufacturer‟s 

recommendations. Optimal primer concentrations were determined by titration according 

to the published recommendations for PCR optimization [159]. Aliquots of 2 µl from the 

reverse transcriptase reactions were used for amplification of transcripts using primers 

specific for the analyzed genes and Taq polymerase according to the manufacturer‟s 

instructions (Invitrogen, Karlsruhe, Germany). Reverse transcriptase reactions were 

denatured for 2 minutes at 95 °C, followed by amplification for 38 cycles of 40-s 

denaturation at 95 °C, 40-s annealing at 60°C and 50-s elongation at 72 °C. Primer 

sequences, applied concentrations, and melting temperatures are provided in Table 3.1. 

Electrophoretic separation of PCR products was carried out on 2% agarose gels. Distilled 
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water was included as a negative control. The fragments were analyzed in relation to 18S 

gene expression by computer-assisted densitometry with the Image J software (National 

Institute of Health, Rockville, USA). Values are displayed as a percentage of the 

maximum gene expression of the respective gene in the experiment to normalize for 

differences between donor animals. 

Statistical analyses 

All statistical analyses were performed with the SPSS 16.0 software (SPSS inc., Chicago, 

USA). Statistical significance was determined by analysis of variance (ANOVA) followed 

by Fisher‟s least significant difference (LSD) with a significance level of p<0.05. All 

results are displayed as mean ± standard error of the mean (SE). All experiments were 

repeated three to six times. 

 

 

 

Figure 3.3: Fully differentiated chondrocytes. Immunohistochemistry (IHC) 
of collagen type II produced by chondrocytes prior to plating. A: Overlay of 
nuclear stain, collagen type II IHC and brightfield image. B: IHC of collagen 
type II (green). C: Nuclei stained with DAPI (blue). D: Brightfield image of 
chondrocytes. 
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3.2.3 Results 

Chondrocyte isolation led to an average of 40 x 106 cells per gram of cartilage, and cellular 

viability was between 97% and 99 % for all isolations. Prior to plating, cells were fully 

differentiated, produced collagen type II, and had a round morphology (Figure 3.3), as 

confirmed by immunofluorescent staining and light microscopy. RT-PCR also confirmed 

high levels of collagen type II (102.2 ± 11.5 % of 18S) and aggrecan (95.9 ± 5.8 % of 18S) 

and the complete absence of collagen type I expression. 

Chondrocyte actin organization is influenced by matrix stiffness 

Cells were grown on the PA substrates at low density monolayer for up to seven days. A 

low density of 5000 cells/cm2 was used to avoid that cells cultured on the stiffest matrices 

reach confluency before the end of the experiment. 

 

 
Figure 3.4: Actin staining of chondrocytes cultured for seven days on matrices with 
different elastic moduli. Staining with FITC-conjugated phalloidin revealed that an increase 
in matrix stiffness leads to an increase in actin organisation in chondrocytes. Nuclei were 
stained with DAPI. Scale bar = 50µm. 
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Phalloidin staining for actin filaments was performed to investigate whether cellular 

morphology and cytoskeleton organization was altered by cultivation on substrates with 

different elastic moduli. Cells grown on stiffer gels (100 kPa and 40 kPa) spread to a larger 

extent, showed a flattened morphology and developed highly organized stress fibers after 

seven days of cultivation. In contrast, chondrocytes cultured on soft 4 kPa gels showed a 

spherical cell shape and diffuse actin organization (Figure 3.4).  

For quantification, ten random microscopy images at 10-fold magnification were obtained 

per sample, and cells were classified according to the clearly distinguishable phenotypes: 

round with diffuse actin, or spread with organized stress fibers (Figure 3.5). On 4 kPa 

substrates 52.9 % ± 10 of the cells maintained their round morphology, which is 

significantly (p < 0.001) more than on stiffer gels, where the percentage of round cells is 

2.9% ± 0.5 on 10 kPa matrices, 2.4% ± 0.4 on 40 kPa, and 2.1% ± 0.4 on 100 kPa 

matrices. 

Although stress fiber formation seemed to be slightly less distinct on 10 kPa substrates 

when compared to stiffer substrates, no significant difference in the fraction of round 

cells was observed (p = 0.433 and p = 0.77). 

After seven days in culture, a significant (p < 0.01) difference between the number of cells 

on 4 kPa substrates (96 ± 15.2 cells / vision field) and the number of cells on 40 kPa and 

 

 
Figure 3.5: Quantitative analysis of phalloidin stains. Cells were divided into spread and 
round morphology (A). The average percentage of round cells was significantly higher on very 
soft PA-gels. The average cell number per vision field (B) was significantly higher after seven 
days of culture on stiffer gels (40 kPa and 100 kPa). Values are displayed as mean + SE; *p < 
0.05 between groups. 
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100 kPa substrates (300 ± 33 and 280 ± 27 cells /vision field) was observed (Figure 3.5). 

The number of cells on 10 kPa (160.4 ± 18.6) was not significantly (p = 0.1) higher than 

on 4 kPa substrates. 

Proliferation on substrates with different elastic moduli 

To investigate whether differences in cellular proliferation, in contrast to increased 

attachment, contributed to the higher cell number on day seven, a BrdU incorporation 

assay was performed on day three, when cells on all matrices were still in subconfluency 

and cellular numbers were not yet significantly different. The number of BrdU positive 

cells was counted, calculated as the fraction of total cells in the respective vision field, and 

normalized to the maximal proliferation in the assay (Figure 3.6). 

 Normalized proliferation was 16.52 % ± 2.9 for the 4 kPa substrate, 30.84 % ± 3.32 for 

the 10 kPa, 50.92 % ± 4.6 for the 40 kPa, and 50.12 % ± 5.2 for the 100 kPa substrate. 

Increasing the matrix stiffness from 4 to 40 kPa thus led to a threefold enhancement of 

the proliferation rate. The percentage of proliferating cells increased significantly from 4 

kPa to 10 kPa, and then to 40 kPa, where a plateau was reached without any additional 

measurable effect of even stiffer substrates.  

 

Figure 3.6: Proliferation of chondrocytes at 
subconfluence, at day 3. Cells were stained for BrdU 
by indirect imunofluorescence staining and BrdU-
positive, proliferating cells were determined in 
percentage of total cell number. Proliferation is 
displayed as percentage of maximal proliferation in the 
assay (mean +SE). * p<0.05 between groups. 
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Maintaining the chondrogenic phenotype on matrices with variable stiffness 

Total RNA from chondrocytes cultured at low density on PA gels with varying stiffness 

for seven days was isolated, and the expression of collagen type II, aggrecan, and collagen 

type I was analyzed by RT-PCR (Figure 3.7). The differentiated chondrogenic phenotype 

is characterized by a high expression of collagen type II (A) and aggrecan (B), and a low 

expression of collagen type I (C). 

On the softest substrates, 18 S normalized collagen type II expression remained at 90.25 

% ± 11.1 in comparison to cells cultured on the stiffest substrates, where expression was 

as low as 47.77 % ± 11.9. Aggrecan expression was 82.1 % ± 2.9 on the softest but only 

62.8 % ± 10.1 on the stiffest substrates. Collagen type I expression, in turn, was slightly 

higher on stiff (89.6 % ± 10.422), in comparison to the softest substrate (71.49 % ± 17.3). 

Chondrocytes cultured on the softest matrices (4 kPa) thus maintained a significantly   

 

 

 

Figure 3.8 IHC for collagen type II (green). Collagen type II expression remained higher in 
cells grown on softer matrices (4 kPa) when compared to cells grown on stiffer matrices. Nuclei 
were stained with DAPI (blue). Scale bar = 50µm. 
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Figure 3.7: Gene expression of 
chondrocytes on different matrices. 
Collagen type II (A), aggrecan (B) 
and collagen type I (C) expression 
(mean + S.E.M) of chondrocytes 
cultured for seven days in low 
density culture on matrices with 
different Young´s moduli. RT-PCR 
results were normalized for 18S 
rRNA and displayed in percentage 
of maximal expression in the 
respective experiment. Collagen 
type II and aggrecan expression 
were significantly higher on soft 
PA-gels (4 kPa) *p<0.05 compared 
to cells on stiffer matrices. There 
were slight but not significant 
differences in collagen type I 
expression with a trend towards 
higher expression levels on stiffer 
matrices. 
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higher level of collagen type II and aggrecan production when compared to cells grown 

on stiffer substrates, while collagen type I expression seemed to be slightly, but not 

significantly, lower. 

To confirm RT-PCR results, collagen type II was visualized by immunofluorescence 

staining (Figure 2.8). On very soft substrates (4 kPa) the majority of chondrocytes was still 

surrounded by collagen type II after seven days, while its production was clearly 

diminished on stiffer substrates, confirming the assumption that substrate stiffness has a 

significant influence on ECM production. 

3.2.4 Discussion 

Collagen coated PA gels were applied as a model system to investigate the influence of 

substrate stiffness, not only on morphology, but also on the proliferation and ECM 

production of chondrocytes. 

The softest substrate promoted the maintenance of the chondrogenic phenotype as 

indicated by a diffuse orientation of the actin in the cytoskeleton, low proliferation, high 

collagen type II and aggrecan, and slightly lower collagen type I expression. 

Chondrocytes cultured on stiff substrates developed spread morphology and organized 

actin fibers, when compared to cells cultured on soft substrates. This increased  

cytoskeleton organization on stiffer substrates resembles the response observed in 

different other cell types, such as fibroblasts, endothelial cells [75] and MSCs [7]. 

Different studies also showed that spread morphology and organized actin cytoskeleton, 

rather than adhesion per se, promotes the entry into the cell cycle [160-163]. As an 

increase in stiffness seems to enhance stress fiber formation in chondrocytes, a 

measurable effect on the proliferation rate should also be observable. My experiments 

confirmed these assumptions, as a stiffer matrix led to cytoskeleton organization and an 

increased proliferation rate. These results are consistent with findings in other 

differentiated cell types, where matrix stiffness was able to induce a switch between 

cellular differentiation and proliferation by variably inducing entrance into the cell cycle 

[6, 72, 126, 129, 164, 165]. 

I hypothesized that this transition into a proliferative state, through stimulation of the cell 
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cycle entry, might be associated with a loss of the differentiated phenotype. 

The results confirm an accelerated loss of the differentiated phenotype on stiffer 

substrates, while the maintenance of the chondrogenic phenotype is prolonged on softer 

matrices. This is supported by the significant decrease of collagen type II and aggrecan 

production on stiff matrices in comparison to cells cultured on soft substrates. It is not 

yet clear why the aggrecan expression is lowest on the 10 kPa matrices; however, the 

favorable effect of the softest 4 kPa matrix, in comparison to all other matrices tested, is 

also clearly observable for this matrix molecule. After seven days of culture, a certain 

collagen type I expression is measurable on stiff, as well as on soft, matrices on which 

cells are round and produce collagen type II. Thus, the soft matrix seemingly slows down 

dedifferentiation, but is not able to completely prevent it. Immunofluorescence staining 

of collagen type I could not be performed in this context due to the collagen type I 

coating of the matrix. 

As mentioned earlier, previous studies investigating the influence of matrix elasticity [6, 

75-77] revealed that different cell types often show a preference for a distinct modulus. In 

this context, it was shown by several groups that cells differentiate optimally on tissue 

level elasticity. Mesenchymal stem cells differentiate into neurogenic, myogenic and 

osteogenic precursor cells through cultivation on substrates with the respective elasticity 

[166]; studies with neurons [77], preosteoblasts [139, 140] and myoblasts [6] additionally 

showed that tissue level elasticity is optimal for the growth and differentiation of further 

developed cells. 

However, it is not entirely clear, what determines the mechanical properties in the direct 

cellular environment in vivo. Engler et al. measured the elasticity of freshly formed osteoid 

and found that this elasticity induces an osteogenic response [7]. In the case of muscle, 

they measured the elasticity of other muscle cells and found that this elasticity supports 

myogenic differentiation [6]. 

The immediate mechanical environment of a chondrocyte may be regarded as being 

determined by the PCM, which differs by orders of magnitudes from the mechanical 

properties of the extracellular matrix [15], but also by other chondrocytes, as in isogenous 

groups of chondrocytes, where cells are separated only by a thin partition of matrix. 
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The elasticity of freshly isolated chondrocytes was reported to be in the range of 0.7 - 4 

kPa [167-169], which would roughly match the mechanical properties of the matrix, 

favorable for the prolonged maintenance of the chondrogenic phenotype in this study. 

AFM based measurements of the stiffness of freshly developed PCM led to similar values 

of 1- 4 kPa [170], which would again be in the range of the Young´s modulus of the 

softest substrate tested here. 

According to the tensegrity hypothesis, cells adapt their cytoskeletal tension to the 

stiffness of the substrate in order to create a homeostatic balance [84, 85]. In 

chondrocytes, this could mean that they need to increase their cellular stiffness on the 

stiffer substrates in order to match the stiffness of the substrate, which could result in an 

alteration of their physiological, differentiated phenotype. However, reports about the 

elasticity of mature PCM, obtained with different measurement techniques, contain a wide 

range of elastic moduli (1.5 - 69 kPa, [15, 171, 172]), which complicates a true 

contribution of my results to the effects of tissue level elasticity. 

Thus, further investigations are needed to identify the mechanical conditions a 

chondrocyte would feel in vivo. The results of this study support the studies that found 

lower elastic moduli. My findings stress the importance of matrix elasticity for the design 

of novel scaffolds for tissue engineering of cartilage. As mechanical properties of cartilage 

in vivo are mainly determined by the composition and quality of the matrix synthesized by 

the chondrocytes, the chondrogenic phenotype needs to be tightly controlled. By tuning 

the elastic properties of the substrate, it might be possible to control cellular matrix 

production and proliferation to obtain the optimal behavior for transplant formation. 

Based on these results, stiff materials could be applied for the expansion of cells in vitro, to 

obtain high proliferation rates. In turn, softer materials could be used for implant 

formation, to support the chondrogenic phenotype. However, since tissue engineered 

cartilage needs to provide certain mechanical properties for the patient, transplants of 

mixed materials might be a promising alternative. Chondrocytes could, for instance, be 

embedded in a softer material to optimize the immediate cellular environment. The whole 

construct could then be further enforced with a network of a stiffer material, in order to 

provide initial stability of the transplant. 
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While the aim of this study was the systematic investigation of the influence of matrix 

mechanics on the maintenance of the chondrogenic state, additional research may also 

focus on the influence of substrate mechanics on chondrogenic differentiation in a 2D 

culture system. This research should investigate the influence of the mechanical properties 

on the redifferentiation potential of expanded, dedifferentiated chondrocytes, but possibly 

also on the chondrogenic potential of stem cells, since these have been shown to strongly 

respond to matrix mechanics [7]. Knowledge obtained in this 2D model system may then 

aid in specifically tailoring biomaterials to optimally support the chondrogenic phenotype 

and ECM production. To further confirm the relevance of these findings for TE 

applications according studies in 3D systems would be very valuable. 
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4.1 Characterization of a porous silk-based 

system 

4.1.1 Introduction 

While cells naturally find themselves in a complex, 3D environment in vivo, most of the 

research about cellular stiffness sensing is still limited to studies in 2D environments 

[173]. However, since cellular morphology and cell matrix interactions are known to be 

very different in 2D when compared to 3D [88], 2D monolayer systems always represent 

a suboptimal setting to study cellular mechanosensing. 

Besides hydrogels, porous scaffolds of various materials are widely applied for cartilage 

TE approaches [1, 109]. The mechanical properties of porous scaffolds can, for instance, 

be changed by altering the overall porosity [101, 109, 110] or by altering the pore size [11, 

110, 174]. 3D studies about cellular stiffness sensing are still often performed in porous 

systems [4, 65] although these are not likely to provide the controlled environment 

needed for this purpose. 

Silk has been extensively used as a suture material [175] and gained increasing interest as a 

material for TE applications, within the last few years. Porous, silk-based scaffolds have, 

hereby, been shown to also be suitable for the fabrication of cartilage tissue substitutes 

with mesenchymal stem cells [44, 176] and autologous chondrocytes [48]. The most 

commonly commercially available type of silk is derived from the cocoon of the silk 

worm Bombyx Mori. Silk fibers from this source consist of fibroin , the core structural 

protein which is held together by the glue-like protein sericin [177]. Since sericin has been 

found to be responsible for most of the immunogenic response against silk sutures [175, 

178] it is removed in the scaffold production process. A solution of the purified silk is 

prepared and porous scaffolds can be formed through the salt leaching procedure [44]. 

Silk scaffolds with different pore sizes can be produced through the application of 

differently sized NaCl particles [179]. Different pore sizes, in turn, have been shown to 

result in different mechanical properties of silk scaffolds with higher compressive moduli 

found in scaffolds with small pores when compared to scaffolds with large pores [11, 
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174]. This section characterizes porous silk scaffolds, representative for other porous 

culture systems, that may be used to study cellular stiffness sensing in 3D. I hypothesized 

that silk scaffolds with different pore sizes can be produced through the application of 

differently sized porogens and that different pore sizes result in different mechanical 

properties.  

To investigate this hypothesis, porous silk scaffolds with three different pore sizes were 

produced. Pore size and distribution was analyzed by micro-computed tomography 

(micro-CT) measurements and the mechanical properties of different scaffold types were 

determined by stepwise, indentation stress-relaxation testing. Additionally, metabolic 

activity of cells cultured on the different scaffold types was determined. 

4.1.2 Materials and Methods 

Reagents were obtained from Sigma-Aldrich (Buchs, Switzerland) and of pharmaceutical 

grade, unless stated otherwise. 

Production of porous silk scaffolds 

Silk cocoons from Bombyx Mori (Trudel Inc, Zurich, Switzerland) were cleaned from 

larvae and boiled in a 0.02 M Na2CO3 solution two times for 1 h. Silk was thoroughly 

washed in ultrapure water (UPW) and left to dry over night. Dry silk was dissolved in 9 M 

LiBr (Fluka, Buchs, Switzerland) for 1 h at 55°C to produce a 10% (w/v) silk solution. 

The solution was dialyzed (3500 g/mol cutoff, Pierce, Woburn, USA) against UPW with 

frequent changes for 36 h, filtered with a 5 µm pore size syringe filter (Sartorius, Dietikon, 

Switzerland), frozen and lyophilized. 

 

Table 4.1: Amounts of NaCl used  

NaCl particle 
diameter [µm] 

Amount of NaCl 

[g] per 1 ml silk 

112-224 1.87 

315-400 2.59 

500-600 2.5 

 



CHONDROCYTE RESPONSE TO MATRIX ELASTICITY IN 3D: EVALUATION OF A POROUS SYSTEM 

63 

NaCl grains (Retsch, Arlesheim, Switzerland) with three different diameters were used to 

produce scaffolds with different pore sizes (Table 4.1). Lyophilized silk was dissolved in 

hexafluoro-2-propanol (HFIP, Fluka, Buchs, Switzerland) to obtain a 17% (w/v) silk 

solution. The amount of NaCl crystals was, hereby, adjusted in order to obtain a constant 

overall volume of the silk/HFIP and NaCl mix (Table 4.1). The appropriate amount of 

NaCl was weighted into Teflon containers and 1 ml silk solution was added into each 

Teflon container. HFIP was allowed to evaporate for 3 days and silk/NaCl constructs 

were immersed in 90% (v/v) methanol (EGT Chemie AG, Trägerig, Switzerland) for 30 

min to induce a conformational change of the silk into the water-insoluble β-sheet 

structure. Constructs were dried and NaCl was leached out for 2 days in UPW (5 changes 

of UPW). Constructs were cut into sections of ~3 mm thickness and disc shaped 

scaffolds with a diameter of 5 mm were punched (dermal punch, Miltey, Lake Success, 

USA) out of the sections. Scaffolds were placed into PBS and autoclaved. 

Micro-CT 

Autoclaved scaffolds were dried and measured in air with a micro-CT imaging system 

(µCT 40, Scanco Medical AG, Brüttisellen, Switzerland). The X-ray tube was operated at 

40 kVp and 180 µA with an integration time set to 200 ms and all projection frames were 

recorded 4 times and then averaged. Scans were performed at an isotropic, nominal 

resolution of 6 µm (high resolution mode). A cylindrical volume of interest was then 

placed in the digital image data for quantitative morphometry and visual assessment. A 

Gaussian filter, with a filter width of 0.8, and a filter support of 1 was applied to reduce 

the noise in the image and a threshold of 4.5% of the maximal grey value was used to 

segment the scaffold from the background. For the morphometric analysis the same 

morphometric parameters as used for human bone biopsy analysis were applied. For the 

transcription of the 3D morphometry of the porous scaffolds, quantitative analyses of 

pore diameter, scaffold porosity, scaffold wall number and scaffold wall thickness were 

performed [180]. 3D visualizations were generated with the software µCT Ray V3.8 

(Scanco Medical AG, Brüttisellen, Switzerland). To plot the pore size distribution, curves 

were fitted with a Weibull non-linear regression method [181].  
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Mechanical testing 

Mechanical testing was performed according to a previously published, modified protocol 

[182] on a Zwick materials testing machine (Zwick Z005, Ulm, Germany) equipped with a 

calibrated 10 N load cell, built-in displacement control, and a cylindrical, flat, stainless 

steel indenter tip with a diameter of 1.2 mm. To exclude an influence of scaffold 

thickness on the mechanical testing results, thickness of hand-cut scaffolds was measured. 

Feasible indenter size was determined according to [183], to assure that Rspec / Rind > 4 

where Rspec denominates the radius of the specimen tested and Rind being the radius of the 

indenter. 

To detect the sample position, and measure sample thickness, a preload of 2 mN was 

applied. Stepwise, stress-relaxation indentation was then carried out in three strain steps 

of 5%, 15% and 25% of the measured sample thickness. At each indentation step, 

specimens were left to relax for 45 min to reach equilibrium. Force, displacement, and 

time data were recorded throughout the whole testing period. A force-smoothing 

 

 

 
 
Figure 4.1: 1: Water in the scaffold is equally distributed prior to testing. 2: In an initial 
response the load is carried by the fluid and solid phase of the material. 3: In the transitory 
phase the water is redistributing and flowing out of the gel. 4: At equilibrium, fluid flow ceased 
and the load is carried by the solid phase of the material. 
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LOWESS (locally weighted scatterplot smoothing) algorithm was applied to the data, and 

force and displacement data were converted to stress (σ) and strain (ε) values. The 

instantaneous modulus (Einst) was determined from the slope of the stress-strain curve 

obtained during the first step, at a constant strain rate of 100 mm/min. It was calculated 

according to the equation: Einst = σinst/εinst, with σinst being the stress at this indentation 

step and εinst, being the strain during the first indentation (0 to 0.05). The equilibrium 

modulus (Eeq) was determined from the three indentation steps according to the 

following equation: Eeq = σeq/εeq, with σeq being the stress measured at equilibrium at the 

respective step and εeq being the corresponding strain for this step. 

The instantaneous modulus is strain rate dependent and reflects the initial response of the 

bulk material, thus, of both the liquid and solid phase of the material. In the transitory 

phase the fluid phase redistributes, and flows out of the gel and at equilibrium, fluid no 

longer flows and the load is only carried by the material [117]. The equilibrium modulus, 

thus, reflects the properties of the solid phase of the material (Figure 4.1). 

Cell seeding and culture 

Porcine chondrocytes from the condyles of three to six month old pigs were isolated and 

characterized as described previously [184]. Viability was between 97% and 99% for all 

isolations used. Basal culture medium was composed of RPMI 1640 Medium, with 

GlutaMAX™ and 25 mM HEPES, supplemented with 10% FCS, 1% 

antibiotic/antimycotic solution (all from Invitrogen, Basel, Germany). 

After isolation, cells were resuspended in RPMI media supplemented with 20% FCS and 

10% dimethylsulfoxide (Roth, Karlsruhe, Germany) at 10x106 cells/ml, and frozen in 

liquid nitrogen for storage. Upon thawing, 20 x 106 chondrocytes were plated overnight in 

a 75 cm2 cell culture flask (Biochrom, Berlin, Germany), detached by trypsinization and 

counted for seeding on the scaffolds. 

Sterile 96-well plates were covered with thin layers of agarose to prevent cellular 

attachment. One scaffold was placed into each well and 1 x 106 cells dissolved in 20 µl 

culture medium were pipetted on each scaffold. Cells were allowed to attach for 3 h at 

37°C and 5% CO2. 100 µl medium was added into each well and constructs were 

incubated for another 21 h before they were transferred into 24-well plates for the rest of 
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the culture period. Cells were cultured in basal culture medium supplemented with 

ascorbic acid 2-phosphate (50 µg/ml) for 14 days. Medium was changed three times per 

week. 

AlamarBlue® assay: 

The alamarBlue® assay was performed according to manufacturer`s instructions, with a 

1:10 dilution of alamarBlue® reagent (Invitrogen, Basel, Switzerland) in basal culture 

medium and an incubation time of 4h at 37°C. Absorption was read with an excitation of 

560 nm and emission at 590 nm (590 nm cutoff).  

Each sample was then digested for 16 h with 0.6 ml papain solution (2.375 U/ml; 

Worthington, Lakewood, USA) in buffer (0.1 M disodium hydrogen phosphate, 0.01 

MEDTA disodium salt, 14.4 mM L-cysteine), at 60°C. 

DNA content was measured fluorometrically from a 96-well black flat-bottom microtiter 

plate, by using the PicoGreen assay (Molecular Probes, Basel, Switzerland), according to 

manufacturer`s instructions (excitation wavelength, 480 nm; emission wavelength, 528 

nm). 

Statistical analysis 

All statistical analyses were performed with the SPSS 17.0 software (SPSS inc., Chicago, 

USA). Statistical significance was determined by an ANOVA followed by post hoc 

comparisons using Fisher‟s LSD. P<0.05 is considered statistically significant. 

4.1.3 Results 

NaCl grains with a diameter of 112-224 µm, 315-400 µm and 500-600 µm were applied to 

produce scaffolds with different pore sizes and dry scaffolds were analyzed by micro-CT. 

Pore sizes were visibly different for the different particle sizes (Figure 4.2). The average 

pore size was 98.5 ± 1.5 µm (small pores) for the smallest NaCl particle size, 142.0 ± 11.5 

µm (medium pores) for medium particle sizes and 196.9 ± 20.2 µm (large pores) for the 

largest particle size and was significantly different for the three preparations used (Table  
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Figure 4.2: Micro-CT image of silk scaffolds. A-C: micro-CT top view of reconstructed images of 
silk scaffolds produced with NaCl particles of different grain sizes of A: 112-224 µm; B: 315-400 
µm and C: 500-600 µm. D-F: 3D-visualization of the different scaffolds (D: 112-224 µm; E: 315-
400 µm and F: 500-600 µm) fitted with spheres to determine the pore sizes. The colormap 
visualizes the diameter of the pores from 0 to 250 µm. 
 
 

Table 4.2: Micro-CT analysis of porous silk scaffolds 

 Small pores Medium pores Large pores 

NaCl particle 
diameter [µm] 

112-224  315-400 500-600  

Average pore 
diameter [µm] 

98.5 ± 1.5* 142.0 ± 11.5* 196.9 ± 20.2* 

Scaffold surface 
[mm2] 

97.4 ± 3.1* 72.8 ± 5.7* 56.6 ± 8.1* 

Porosity [%] 80.3 ± 1.8  81.2 ± 3.3  80.0 ± 7.0  

Wall number [mm-1] 10.5 ± 0.2* 7.5 ± 0.6* 5.7 ± 0.9* 

Wall thickness [µm] 23.8 ± 1.2* 29.7 ± 3.3* 38.0 ± 10.5* 

*p<0.05 between the indicated and both other scaffold types 
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4.2). Pore sizes measured in the dry scaffolds were, hereby, smaller than NaCl particle 

sizes and scaffold volumes noticeably increased upon rehydration. Scaffold surface was 

inversely correlated with the particle size and differed significantly between the 

preparations with different particle sizes. Overall porosity remained constant and was 

about 80% for all preparations (Table 4.2). Plotting of the pore size distribution in the 

different scaffold types shows that the applied NaCl particles produce a range of different 

pore sizes. The curves of the pore size distributions are therefore overlapping. Porous 

scaffolds produced with the smallest grain size show the highest homogeneity in pore 

size, as indicated by the narrow peak of the curve (Figure 4.3). 

To determine the influence of different pore sizes on the mechanical properties of silk 

scaffolds stepwise, stress-relaxation indentation testing was performed (Figure 4.4). The 

average equilibrium modulus was 30.8 ± 5.2 kPa for scaffolds with small, 38.4 ± 22.6 kPa 

for scaffolds with medium and 48.2 ± 14.9 kPa for scaffolds with large pores (Figure 

3.4A). The instantaneous modulus was 69.2 ± 21.0 kPa for scaffolds with small, 68.0 ± 

30.3 kPa for scaffolds with medium and 86.5 ± 26.3 kPa for scaffolds with large pores 

(Figure 3.4B). Both equilibrium and instantaneous modulus had a high standard deviation 

and were not significantly different for the different scaffold types. Thickness was 

 

Figure 4.3: Pore size distribution measured in dry silk scaffolds 
produced with small (112-224 µm), medium (315-400 µm) and 
large (500-600 µm) NaCl particles. N = 6. 
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determined to be approximately 3.7 mm and was not significantly different between the 

scaffold types (Figure 4.4C). 

After 14 days of culture, an alamarBlue® assay was performed to measure metabolic 

activity of cells as an indicator of cellular viability. Absorption was normalized to DNA 

content to account for possible different cell numbers on the scaffolds. Pore size had no 

effect on the metabolic activity of cells cultured on the different scaffolds (Figure 4.5). 

4.1.4 Discussion 

Silk scaffolds with different pore sizes and a constant porosity were produced as 

confirmed by micro-CT measurements. However, although mean pore diameters differed 

significantly some heterogeneity in the pore sizes was observed. 

 

 
Figure 4.4: Mechanical properties of silk scaffolds. A: Equilibrium modulus and B: 
instantaneous modulus of silk scaffolds with small, medium and large pores. C: Thickness of 
scaffolds with different pore sizes. Values displayed as mean ± S.D., n = 6. 
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The average pore diameter was hereby markedly below the diameter of the porogens. Due 

to the low X-ray absorbance of silk, the scaffolds had to be dried and measured in air. 

Pore sizes are likely to be larger, and therefore more similar to the size of the porogens, in 

the hydrated state they adopt under cell culture conditions. In contrast to findings of 

other groups [11, 174], no increase in stiffness with decreasing pore size was observed. 

However, an indentation test was applied for the mechanical testing of the scaffolds in 

this study while the respective studies applied confined compression tests. Indentation 

tests determine the stiffness more locally, thus, where the sample is indented. In 

compression tests, these local differences are not detected since only the average 

mechanical properties of the whole scaffold are determined. Cells will, however, sense the 

local mechanical properties. Porous scaffolds are not likely to display a homogeneous 

architecture and consequently no homogeneous mechanical properties. The high standard 

deviations of the mechanical properties reflect this. Another deviation might be derived 

from different scaffold processing methods. In contrast to other studies, I performed 

mechanical testing on autoclaved scaffolds to resemble the mechanical properties of the 

scaffolds under cell culture conditions. The autoclaving process might additionally 

influence the mechanical properties and also decrease the stiffness of the scaffolds. 

In conclusion, the porous system might be used to study the effect of pore size on the 

 

Figure 4.5: Metabolic activity of cells cultured on 
scaffolds with different pore sizes as determined by 
an alamarBlue® assay. Values displayed as mean + 
S.D., n = 6. 
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chondrogenic phenotype and cellular behavior, since cellular viability was not decreased in 

any of the scaffold types and pore sizes were significantly different. However, the 

mechanical characterization of the porous system indicates that porous scaffolds do not 

provide a suitable setting to study cellular stiffness sensing, due to their heterogeneous 

architecture and, thus, the lack of significant differences in the elastic moduli of the 

different scaffold types. 

4.2  Chondrocyte response to pore size 

4.2.1 Introduction 

Although porous systems do not seem to provide an optimal setting to study cellular 

stiffness sensing, they may be used to gain further insight into a possible contribution of 

the scaffold architecture on chondrocyte behavior. Pore size is likely to be changed in a 

certain, although possibly very small, range in most systems used to study cellular 

response to matrix elasticity. The influence of pore size on chondrocyte behavior should, 

therefore, be investigated in order to later on separate effects from different pore sizes 

from effects of the substrate elasticity. Besides the investigation of the influence of pore 

size on cellular behavior, this study should also help to obtain further knowledge about 

possible pitfalls that should be avoided when designing a system to study the influence of 

physical matrix properties on cellular behavior. I hypothesized that pore size would 

influence chondrocyte distribution, proliferation and differentiation stage. 

To investigate this hypothesis, primary chondrocytes were cultured on silk scaffolds with 

different pore sizes for up to 28 days. Cellular distribution and proliferation in the 

different scaffolds as well as ECM quantity and quality was assessed during and after the 

culture period. 

4.2.2 Materials and Methods 

All chemicals were obtained from Sigma-Aldrich (Buchs, Switzerland) and of 

pharmaceutical grade, unless stated otherwise. 
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Scaffold production 

Scaffolds were produced and characterized as described in Chapter 4 Section 1. 

Cell culture 

Porcine chondrocytes from the condyles of three to six month old pigs were isolated and 

characterized as described previously [184]. Viability was between 97% and 99% for all 

isolations used. Basal culture medium was composed of RPMI 1640 Medium, with 

GlutaMAX™ and 25 mM HEPES, supplemented with 10% fetal calf serum (FCS), 1% 

antibiotic/antimycotic solution (all from Invitrogen, Basel, Germany). After isolation, 

cells were resuspended in RPMI media supplemented with 20% FCS and 10% 

dimethylsulfoxide (Roth, Karlsruhe, Germany) at 10x106 cells/ml, and frozen in liquid 

nitrogen for storage. Upon thawing, 20 x 106 chondrocytes were plated overnight in a 75 

cm2 cell culture flask (Biochrom, Berlin, Germany), detached by trypsinization and 

counted for seeding on the scaffolds. 

Sterile 96-well plates were covered with thin layers of agarose to prevent cellular 

attachment. One scaffold was placed into each well and 1 x 106 cells dissolved in 20 µl 

culture medium were pipetted on each scaffold. Cells were allowed to attach for 3 h at 

37°C and 5% CO2. 100 µl medium was added into each well and constructs were 

incubated for another 21 h before they were transferred into 24-well plates for the rest of 

the culture period. Cells were cultured in basal culture medium supplemented with 

ascorbic acid 2-phosphate (50 µg/ml) for up to 28 days. Medium was changed three times 

per week. 

Quantitative assays 

Specimens for quantitative assays were lyophilized and the dry weight was determined. 

Each sample was then digested for 16 h with 0.6 ml papain solution (2.375 U/ml; 

Worthington, Lakewood, USA) in buffer (0.1 M disodium hydrogen phosphate, 0.01 

MEDTA disodium salt, 14.4 mM L-cysteine), at 60°C. One part of the digest was directly 

used to determine the GAG content; one part was frozen at -20°C, to subsequently 

determine the DNA content. 

Glycosaminoglycan content was determined in triplicates, spectrophotometrically at 525 nm, 
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following binding to the dimethylmethylene blue dye (AxonLab, Baden Dättwill, 

Switzerland) dissolved at 16 mg/l in 0.01 M HCI with 40.5 mM Glycine and 40.5 mM 

NaCl. Chondroitin sulfate was used as a standard. 

DNA content was measured fluorometrically from a 96-well black flat-bottom microtiter 

plate, by using the PicoGreen assay (Molecular Probes, Basel, Switzerland), according to 

manufacturer`s instructions (excitation wavelength, 480 nm; emission wavelength, 528 

nm). 

Histology 

All samples were analyzed with the microscope Axioskop (ZEISS, Oberkochen, 

Germany) using the acquisition software Axiovision (Release 4.7, ZEISS, Oberkochen, 

Germany). 

Cryosection preparation 

Upon removal, samples for histology were placed into plastic molds, immersed in 

embedding solution (Cryomold® Biopsy Tissue-Tek® and O.C.T. compound® Tissue-

Tek® both Sakura Finetek Europe, Zoerterwoude, Netherlands), snap frozen in liquid 

nitrogen, and stored at – 20°C. Cryosections of 12 µm thickness were prepared, using the 

Cryo-Star HM 560 cryostat (Microm International AG Schweiz; Volketswill, Switzerland), 

transferred to SuperFrost® Plus glass slides (Menzel, Braunschweig, Germany) and 

allowed to dry at room temperature (RT) for at least one day. 

Immunohistochemistry (IHC) 

For collagen type II IHC, cryosections were fixed for 5 minutes with pre cooled (–20 °C) 

methanol-acetone (7:3). Non-specific binding was blocked with 2% BSA in PBS for 30 

min at RT. Specimens were incubated with the primary antibody for 1 h at 37°C, washed 

extensively, and incubated with the secondary antibody under the same conditions. The 

primary antibody against collagen type II (II-II-6B3, Developmental Studies Hybridoma 

Bank, University of Iowa, USA) was applied in PBS with a dilution of 1:50. Negative 

controls were incubated in PBS only. 

Detection in all samples, and negative controls, was performed with FITC-conjugated 

goat anti-mouse IgG (Invitrogen, Basel, Switzerland) diluted 1:500 in PBS. DNA was 
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stained with Hoechst 33258 in UPW (1µg/ml) for 15 min at 37°C; samples were washed 

extensively with PBS, and embedded. 

Histological stains 

For Haematoxylin and Eosin (H&E) stain, sections were fixed in 5% formaldehyde, 

washed in PBS, stained in Haematoxylin solution, stained in Eosin solution (Eosin Y 

solution), dehydrated and cleared in graded ethanol solutions and xylene, and mounted. 

For Alcian blue staining for proteoglycans, Alcian blue working solution was prepared by 

dissolving 0.025 % (w/v) Alcian blue (Alcian blue 8GX) in 3% (v/v) acetic acid (Carlo 

Erba, Rodano, Italy) containing 0.15 M sodium chloride, and 0.06 M magnesium chloride 

(Hänseler AG, Herisau, Switzerland). The solution was stirred for 3 h, filtered, and stored 

at RT. Cryosections were washed with PBS, fixed in 5% formaldehyde for 30 min at RT 

and incubated in Alcian blue working solution overnight. Sections were washed in PBS, 

nuclei were stained in Haematoxylin solution (Haematoxylin solution according to 

Delafield) for 2 min, blued in tab water, washed in PBS and embedded.  

Scanning electron microscopy (SEM) 

For SEM analysis, specimens were removed after 28 days of culture, fixed for 4 h at 4°C 

in 2.5% gluteraldehyde in 0.1M sodium cacodylate buffer, washed thoroughly and 

incubated in 0.04% osmium tetroxide in 0.1M sodium-cacodylate buffer for 90 min at RT 

in the dark. Specimens were washed, dehydrated in graded ethanol solutions, and 

lyophilized. Dry specimens were sputtered with gold and analyzed by SEM (Zeiss Leo 

Gemini 1530, Cambridge, UK). 

Statistical analyses 

All statistical analyses were performed with the SPSS 17.0 software (SPSS inc., Chicago, 

USA). Statistical significance was determined by an ANOVA followed by post hoc 

comparisons using Fisher‟s LSD. P<0.05 is considered statistically significant. DNA 

content, GAG content and GAG/DNA were analyzed separately with time of culture 

and NaCl grain size as fixed factors. 

All results are displayed as mean ± standard deviation (SD). Sample size is n = 6 unless 

stated otherwise. 
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4.2.3 Results 

DNA content increased significantly over the whole culture period and was similar on the 

three different scaffold types used (Figure 4.6A). However, over the course of the culture 

period, neither DNA nor GAG content differed significantly on the three scaffold types.  

Cell and ECM distribution was further visualized by histological staining. H&E stained 

sections (Figure 4.7) show that cells were not evenly distributed on the scaffold: A thick 

layer of tissue was formed at the rim and cell numbers visibly decreased towards the 

center of the scaffolds. The same trend was observed on Alcian blue stained sections 

(Figure 4.8) with thick layers of ECM at the rim and less ECM in the center of the 

scaffold. Scaffolds with small pores showed a seemingly better distribution of cells in the 

scaffolds compared to scaffolds with medium and large pores. The ECM, formed during 

the 28 days of culture, was rich in GAGs (Figure 4.8) and collagen type II (Figure 4.9), a 

marker for the differentiated phenotype of chondrocytes. Collagen type II was found 

independently of the pore size and was generally found in higher density at the rim when 

compared to the center of the scaffolds. 

SEM images of the tissue engineered constructs after 28 days of culture (Figure 4.10) 

additionally showed that most cells exhibited a round morphology, typical for the 

differentiated, chondrogenic phenotype and that the major part of the scaffold surface 

was covered with a layer of cells and ECM.  

4.2.4 Discussion 

None of the tested pores sizes diminished or favorably increased cellular viability or 

growth and DNA content increased over the whole culture period. All scaffold types 

showed a thick layer of cells and ECM at the rim of the scaffold and visibly diminished 

amounts of cells and ECM in the center. This is in agreement with a study from Wang et 

al. [48] in which chondrocytes were redifferentiated on silk scaffolds. Chondrocytes were 

found in high density in a thin outer layer and a lower density in the center of the 

scaffolds. However, cell numbers in the scaffold centers were still visibly denser than in  
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Figure 4.6: Quantitative assays 
of A: DNA content, B: GAG 
content and C: GAG/DNA in 
scaffolds with small, medium 
and large pores.  
Neither DNA nor GAG or 
GAG/DNA differed 
significantly between the 
different scaffold types over the 
time of culture. Values displayed 
as mean + S.D., n = 6. 
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Figure 4.7: H&E stain after 28 days of culture on scaffolds with A, D small pores; B, E: 
medium pores and C, F: large pores. Top row: images taken from the rim (indicated by the black, 
dashed line) of the scaffolds. Bottom row: images taken from the center of the scaffold. Cell 
density is higher at the rim of the scaffolds independent of the pore size. 
Scale bar: 500 µm. Scale bar in close-up insertions: 20 µm. 

 

 

Figure 4.8: Alcian blue staining for GAGs after 28 days of culture on scaffolds with A, D small 
pores; B, E: medium pores and C, F: large pores. Top row: images taken from the rim (indicated 
by the black, dashed line) of the scaffolds. Bottom row: images taken from the center of the 
scaffold. Distribution of GAGs reflects cellular distribution seen on H&E stained sections. Scale 
bar: 500 µm. 
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Figure 4.9: IHC for collagen type II after 28 days of culture on scaffolds with A, D small pores; 
B, E: medium pores and C, F: large pores. Top row: images taken from the rim (indicated by the 
white, dashed line) of the scaffolds. Bottom row: images taken from the center of the scaffold. 
Scale bar: 500 µm. 

 

 

Figure 4.10: SEM images of chondrocytes cultured on porous silk scaffolds with A, D: small 
pores; B, E: medium pores and C, F: large pores. Scale bar A-C = 130 µm. Scale bar D-F = 30 
µm. Independent oft the pore size, thick layers of cells and ECM are formed and the majority of 
cells displays a round morphology. 
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the study presented here. 

Surprisingly, scaffolds with small pores showed a slightly better distribution of cells and  

ECM compared to scaffolds with medium and large pores. It also has to be noted that the 

cells formed large ECM-clusters in all scaffolds types, leading to limited contact to the silk 

substrate. A significant effect of pore sizes on ECM deposition and cellular proliferation 

and attachment could not be found. The tested silk scaffolds seemed to support the 

maintenance of the chondrogenic phenotype, as shown by the round morphology of cells 

and the high amount of collagen type II that was produced. Maintenance of the 

chondrogenic phenotype was, however, also independent of the pore size. While a better 

cell distribution was found in scaffolds with the smallest pore size, no significant 

influence of pore size on cellular behavior as proliferation, ECM production and 

maintenance of the chondrogenic phenotype was observed.  

It might, therefore, be cautiously concluded that studies about stiffness sensing in other 

systems (that can control the cell distribution) would not have to account for a possible 

effect of pore size on the above mentioned aspects of cellular behavior. However, 

summing up findings from this and the previous section, several main issues render this 

porous system unsuitable to study stiffness sensing. While some of them might only be 

valid for the system presented here others generally reflect the limitations of porous 

systems for this application. 1: porous systems are likely to display heterogeneous 

mechanical properties, 2: due to the large size of the pores in relation to the cell size, cells 

form aggregates which in turn vastly limits the contact of cells with the material 3: cells 

are not equally distributed. Taken together, the local environment of single cells within 

one scaffold can be very different depending on where in the scaffold the cell is located. 

The environment of the cells is, furthermore, not mainly determined by the material 

properties due to the formation of aggregates.  

The following chapter takes into account the findings from this, and the previous, section 

and aims to design a controlled environment that is suitable to study stiffness sensing in a 

3D environment. 
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5 Chondrocyte response to matrix elasticity 
in a 3D hydrogel system 
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5.1 Development of a tunable 3D hydrogel 

system 

5.1.1 Introduction 

The previous chapter identified certain pitfalls that should be avoided in a suitable model 

system. Based on these, requirements can be identified that the system should fulfill. It 

should 1: provide homogeneous mechanical properties 2: allow an alteration of the 

mechanical properties without changing the architecture or the microstructure of the 

material and 3: allow an equal distribution of the cells in the material. The first aim in this 

chapter was the development of a model system that fulfills these requirements and, 

therefore, provides a suitable environment to transfer previous research from the 2D PA 

setting into a 3D system, more closely mimicking in vivo conditions. 

As in 2D, hydrogels seem to be a good choice to achieve this aim, due to their relatively 

high homogeneity. An additional advantage is the range of stiffnesses that can be 

produced, which is very similar to the range of stiffnesses seen in soft tissues [74]. Cells 

also have direct contact to the substrate and, as described in the second chapter, pore 

sizes of hydrogels only change in the nanometer range when the mechanical properties 

are altered. 

One remaining challenge of hydrogel systems is a separation of mechanical properties and 

adhesion site densities. An alteration of adhesion site density has been shown to induce 

similar effects to an alteration of mechanical properties [89, 90, 139, 185]. This side effect 

is very likely in protein based systems where different elasticities are often achieved by 

changing the protein concentration. As in the 2D PA system presented in Chapter 3, one 

possibility to overcome this problem is the application of an inert bulk material with 

tunable mechanical properties that can then be modified with a controlled number of 

adhesion sites. However, PA cannot be used as a material for 3D studies since cells 

cannot be incorporated into the material due to the toxicity of unpolymerized PA 

monomers [173]. Another synthetic material, PEG, has been applied as an inert 3D 

system with tunable elastic properties to culture different cell types [2, 58, 80, 134, 186, 
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187]. Respective studies with chondrocytes, however, did not facilitate active stiffness 

sensing since no adhesion sites were incorporated [3, 131]. 

I chose to develop an agarose-based model system since agarose was shown to be highly 

compatible with chondrocytes in various studies over the last few decades [188, 189]. 

Agarose is a marine algal polysaccharide, consisting of alternating D-galactose and 3,6-

anhydro-L-galactose units, that forms thermally reversible gels [190]. It is soluble in water 

at temperatures between 45°C and 65°C and gels in a range of 17-40° C depending on the 

degree of hydroxyethyl substitutions on its side chains [5]. Cells can therefore be 

incorporated into the material in its liquid form and the material can then be gelled at 

lower temperature to facilitate hydrogel formation. Agarose does not contain any moieties 

associated with cellular adhesion or absorption of cell adhesive proteins [60]. Several 

papers about the correlation between molecular weight, the molar concentration of the 

agarose and the mechanical properties of the gel have been published [5, 123, 191]. 

Agarose discs with elastic moduli ranging from less than 1 up to 300 kPa have been 

produced [189, 192] allowing to cover a significant range of stiffnesses. 

To facilitate cellular attachment, one type of agarose, Seaprep® agarose, has been 

modified with RGD, the minimal amino acid sequence known to provide cellular 

adhesion. [193] It was coupled to the agarose with the commercially available, 

heterobifunctional crosslinker Sulfo-SANPAH (Pierce, Rockford USA) that was also 

applied in the 2D model system. The crosslinker forms stable amide bonds with amino 

groups and can be reacted with a variety of proteins and subsequently coupled to the 

agarose through UV exposure. 

I hypothesized, that RGD-modified agarose can be used to produce an improved 3D 

culture system that can be used to study chondrocyte response to matrix elasticity. To test 

this hypothesis, I aimed to examine if (1) hydrogels with stable and tunable mechanical 

properties can be produced with the help of agarose, if (2) a controlled numer of adhesion 

sites can be coupled to agarose and if (3) chondrocytes interact with the adhesion sites 

and remain viable in the modified hydrogels. For this purpose, two different types of low 

gelling agarose: Type VII and Seaprep® agarose were tested for their suitability for the 

development of a model system with tunable mechanical properties. The modification 



CHONDROCYTE RESPONSE TO MATRIX ELASTICITY IN A 3D HYDROGEL SYSTEM 

 

85 

process of agarose with adhesion sites was optimized and cellular interaction with the 

moieties and maintenance of chondrocyte viability was verified. 

5.1.2 Material and Methods 

Reagents were obtained from Sigma-Aldrich (Buchs, Switzerland) and of pharmaceutical 

grade, unless stated otherwise. 

Hydrogel modification  

Low gelling agarose (Type VII) was dissolved in Ca2+- and Mg2+-free PBS and autoclaved. 

The amount of solution evaporated during autoclaving was determined by weighing, and 

replaced accordingly. 

The synthetic peptide GRGDSP (Bachem AG, Bubendorf, Switzerland) was conjugated 

to agarose hydrogels with the help of the heterobifunctional, UV-activatable crosslinker 

sulfo-SANPAH (Pierce, Rockford, USA), according to a modified protocol adapted from 

[119, 193]. Briefly a reaction was performed with the crosslinker and the respective 

peptides in ten molar excess for 4 h at room temperature (RT) in the dark. Agarose 

hydrogels were melted for 5 minutes at 65°C and cooled to 37°C. One part crosslinker-

peptide mix was then thoroughly mixed with an equal volume of a 3% agarose solution 

under sterile conditions to obtain a 1.5% solution. 

Based on manufacturer‟s recommendations, three different conditions were chosen and 

tested to obtain optimal activation of the crosslinker: (1) Activation with a 308 nm, 8 W 

UV-handlamp for eight minutes; (2) activation with a 300 W medium-pressure mercury 

arc lamp for five minutes; (3) activation with a 450 W medium-pressure mercury arc lamp 

for three minutes, the latter two both equipped with a filter to exclude excitation below 

302 nm. 

The solutions were gelled at 4°C and washed in PBS for seven days, with frequent 

changes of the solution, to remove unbound peptide and crosslinker. 

The amount of coupled protein was determined with a Bradford assay (Bradford 

Reagent), according to the manufacturer‟s instructions. One part of a 1.5% agarose-
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hydrogel, modified with 400 µM of RGD or RGE, was then mixed with one part 5.5% 

agarose to obtain gels with 200 µm protein and 3.5% plain agarose, or with one part PBS 

to obtain 0.75% agarose-hydrogels. 

Mechanical testing of the gels 

A preliminary test was performed to determine the stability of mechanical properties 

under cell culture conditions and choose the type of agarose suitable for a model system.  

Solutions of 5% Seaprep agarose (Lonza, Basel, Switzerland) and 5% Type VII agarose 

were prepared in UPW and autoclaved. The amount of water evaporated during 

autoclaving was determined and replaced accordingly. Agarose hydrogels were melted in 

the water bath at 65°C for 5 min. Eight samples of each agarose type were prepared by 

gelling the solutions between two glass slides, in custom made spacers, to obtain disc 

shaped samples, with a diameter of 5 mm and a height of 2 mm. Gels were allowed to gel 

at 4°C for 15 min. Four Samples of each agarose type were stored in PBS at 4°C for 7 

days while another 4 samples of each type were stored at 37°C for the same time period. 

Solutions for specimens of different percentage of plain and modified agarose were 

prepared and gelled to obtain disc shaped specimens as described above. Gels were stored 

in PBS at 4°C until testing. Prior to testing, gels were allowed to equilibrate to RT, placed 

into a custom built, confined, testing chamber and covered with PBS. Mechanical testing 

of scaffolds was performed with a Zwick materials testing machine (Zwick Z005, Ulm, 

Germany) at RT in PBS as described in Chapter 4, Section 1 and adapted for the 

hydrogels. A preload of 2 mN was applied, and stepwise, stress-relaxation indentation was 

carried out in three strain steps of 5%, 15% and 25% of the measured sample thickness. 

After each indentation step, the relaxation response was measured for 30 min, when 

equilibrium was reached. 

The instantaneous modulus was determined from the slope of the stress-strain curve 

obtained during the first step, at a constant strain rate of 100 mm/min. The equilibrium 

modulus was determined from the equilibrium phase of the three indentation steps as 

presented earlier. 
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Cell culture 

Porcine chondrocytes from the condyles of three to six month old pigs were isolated and 

characterized as described previously [184]. Viability for all isolations was between 97% 

and 99%. Culture medium was composed of RPMI 1640 Medium, with GlutaMAX™ 

and 25 mM HEPES, supplemented with 10% fetal bovine serum (FBS), 1% 

antibiotic/antimycotic solution (all from Invitrogen, Basel, Switzerland) and ascorbic acid 

2- phosphate (50 µg/ml). Upon thawing, 20 x 106 chondrocytes were plated overnight in 

a 75 cm2 cell culture flask (TPP, Trasadingen, Switzerland) to maintain only viable cells, 

and thus precise cell numbers for seeding. 

For cell incorporation into hydrogels, modified agarose was melted for 5 min at 60°C and 

allowed to cool to 37°C. Cells were detached from the flask by trypsinization and counted 

with the help of a Neubauer counting chamber (Neubauer improved, Assistent, 

Sondheim, Germany). Cells were incorporated into the hydrogels with a density of 4.5 x 

106 cells/ml. An according volume of cell suspension was centrifuged for 10 minutes at 

300 g, the supernatant was removed and the cell pellet was thoroughly mixed with the 

agarose. For each sample, 25 µl of cell-agarose suspension was pipetted into spacers 

between two glass slides to obtain discs with a diameter of 4 mm and a height of 2 mm. 

Cell-hydrogel constructs were allowed to gel at 4°C for 15 minutes and removed from the 

spacers. Random samples were taken in all experiments to assure constant seeding 

densities in the different preparations. Constructs were cultured in free-floating 

conditions in 24-well plates (TPP, Trasadingen, Switzerland) in the culture medium 

described above. 

Cellular viability and attachment 

LIVE/DEAD® assay: 

Specimens were stained with a LIVE/DEAD® Viability/Cytotoxicity Kit (Invitrogen, 

Basel, Switzerland) according to manufacturer‟s instructions, with a 4 µM EthD-1 and 2 

µM calcein AM solution, after three days of culture. Specimens were transferred to PBS 

and immediately investigated under the fluorescence microscope. 

AlamarBlue® assay: 
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The alamarBlue® assay was performed according to manufacturer`s instructions, with a 

1:10 dilution of alamarBlue® reagent (Invitrogen, Basel, Switzerland) in basal culture 

medium and an incubation time at 37°C of 4h. Absorption was read with an excitation of 

560 nm and emission at 590 nm (590 nm cutoff). Samples were then processed as 

described below, to determine the DNA content. 

Cellular attachment 

24-well plates (TPP, Trasadingen, Switzerland) were coated with thin layers of RGD-

modified agarose, RGE-modified agarose, agarose from a reaction with the crosslinker 

only, and plain agarose, respectively. Gels were allowed to gel at 4°C for 20 minutes. 

Primary chondrocytes were seeded on top of the different substrates and on cell culture 

plastic, as a reference, with a density of 10 000 cells/cm2. Cells were allowed to attach for 

24 h. All wells were thoroughly washed with PBS to remove unbound cells. Attached cells 

were counted under a light microscope: 5 viewing fields of 10x magnification were 

counted per sample and averaged. 

Statistical analysis 

All statistical analyses were performed with the SPSS 17.0 software (SPSS Inc., Chicago, 

USA). Statistical significance was determined by ANOVA followed by Fisher‟s LSD with 

a significance level of p<0.05. Instantaneous modulus and equilibrium modulus were 

analyzed separately with percentage of agarose as fixed factor and thickness as covariate. 

Linear regression fits for mechanical testing data were obtained using Microsoft Excel 

2000 (Microsoft Corporation, Redmond, USA). All results were displayed as mean ± SD. 

Sample number was n = 4 unless stated otherwise. 

 

5.1.3 Results 

Mechanical stability 

The preliminary study investigated the mechanical stability of type VII and Seaprep® 

agarose. The equilibrium modulus of Type VII agarose did not significantly change with 

time in culture. Mechanical testing of Seaprep® agarose stored at 37°C did not even reach 
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the preload needed for sample detection, indicating that this type of agarose completely 

lost its mechanical properties under culture conditions (Figure 5.1). Based on these 

results, I chose to use agarose Type VII as material for the model system. 

Incorporation of adhesion sites 

RGD was covalently coupled to Type VII agarose in order to provide adhesion sites and 

hereby facilitate active stiffness sensing of cells. Three different conditions for coupling 

were tested. The highest coupling efficiency (11.8 % ± 3.8) was achieved with the 450 W 

UV lamp (Figure 5.2 A) in spite of a reduction of exposure time. 

To test if cells attached to modified agarose in contrast to plain agarose, an adherence test 

was performed in 2D: chondrocytes were seeded on top of thin layers of the different 

substrates, with cell culture plastic as a control, known to provide adherence. Non-

adherent cells were removed by thorough washing, and the number of attached cells was 

determined (Figure 5.2 B). The number of chondrocytes that attached to RGD-modified 

agarose was not significantly different from the number of cells that attached to cell 

culture plastic (p = 0.561). Cells did not adhere to agarose hydrogels modified with RGE, 

with the crosslinker alone, or plain agarose. 

 

 
Figure 5.1: Mechanical stability of different types of agarose. 
Equilibrium moduli of seaprep and type VII agarose 
hydrogels stored at 4°C or 37°C, respectively. 
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Mechanical tunability 

In a next step, the tunability of the elasticity of agarose hydrogels was investigated. 

Stepwise, stress-relaxation indentation testing was performed to determine the mechanical 

properties of plain and modified agarose of different concentrations. Specimens reached 

equilibrium during the relaxation phase of the mechanical test (Figure 5.3 A, C, E) and the 

slope of the stress-strain curves increased with increasing agarose concentration (Figure 

5.3 B, D, F). Equilibrium modulus increased in an almost linear manner with agarose 

concentration (R2 = 0.85 for RGD-modified and R2 = 0.97 for plain agarose) from 3.7 ± 

1.9 kPa to 53.2 ± 14.6 kPa for modified, and from 2.3 ± 1.1 kPa to 36.1 ± 0.3 kPa for 

plain agarose (Figure 5.4 A, C). A slight stiffening of the material through the 

modification process was observed, but differences were only significant for the highest 

concentration of agarose (3.5%, p = 0.01). The instantaneous modulus also increased with 

increasing agarose concentration, from 26.2 ± 11.6 kPa to 82.9 ± 22.4 kPa for modified 

and from 16.7 ± 5.5 kPa to 89.2 ± 11.4 kPa for plain and agarose (Figure 5.4 B, D). 

 

 
Figure 5.2: Modification with adhesion sites. A: Coupling efficiency of the modification 
process, as determined by Bradford assay. RGD was covalently coupled to agarose with a 
UV-activatable crosslinker. Coupling efficiency increased with increasing power of the UV 
lamp, despite a reduction in exposure time. B: Cellular attachment to thin layers of agarose. 
Cells adhered to RGD-modified agarose, while attachment to RGE-modified agarose, 
agarose with crosslinker only, or plain agarose was not observed. Values displayed as mean 
+ SD, n = 4, *p < 0.05. 
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Figure 5.3: Representative stress-strain curves from the mechanical testing of different 
percentages of RGD-agarose. A, C, E: Strain steps and stress responses of hydrogels with 
different percentages of RGD-agarose plotted against time. Equilibrium is reached during the 
relaxation phase of all gels. B, D, F: Stress values at equilibrium plotted against strain-step values. 
The slope of the curve, thus the equilibrium modulus, increases with increasing agarose 
concentration.  

. 
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Chondrocyte viability in modified agarose 

To investigate whether the modification process influenced the viability of chondrocytes 

incorporated into the material, I performed a Live-Dead assay to stain the viable and dead 

cells and additionally tested for metabolic activity of the incorporated cells, as a 

quantitative measure. Chondrocytes remained viable in both, plain, as well as RGD-

modified agarose (Figure 5.5 A-C) and incorporation of RGD did not affect metabolic 

activity (Figure 5.5 D). 

 

 

Figure 5.4: Mechanical properties of plain and modified agarose. Mechanical testing of A, B: 
RGD-modified agarose and C, D: plain agarose. A, C: Equilibrium modulus of gels increases 
with increasing agarose concentration. B, E: Instantaneous modulus of gels increases with 
increasing agarose concentration. Values displayed as mean ± SD, the linear regression line was 
fitted on all data points. n = 4, *p < 0.05. 
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5.1.4 Discussion  

I performed a preliminary study with different types of agarose and found that Type VII 

agarose maintained its mechanical properties over time at 37°C, in contrast to Seaprep® 

agarose, which has been modified with RGD by other groups [193]. Generally, hydrogels 

made from Type VII agarose were approximately ten times stiffer than hydrogels made 

with the same concentration of Seaprep® agarose. 

Based on these finding, Type VII agarose was chosen for the model system. I showed 

that agarose without modification is inert and that cells interact with the RGD after 

modification. Since the choice of ligand can also significantly influence the outcome of a 

study [194] RGD was chosen, which has been repeatedly used as adhesion molecule in 

 

 

Figure 5.5: Cellular viability. A-C: Live-Dead assay of cells incorporated in agarose 
modified with, A: 0 µM RGD, B: 100 µM RGD, C: 400 µM RGD. Live cells are stained 
green, dead cells red. Cells remained viable in all compositions, with only very few dead 
cells as indicated by arrows. D: Metabolic activity of cells in modified and unmodified 
agarose, measured with an alamarBlue® assay and normalized to the amount of DNA in 
the respective gel. Cells showed no differences in metabolic activity in modified or plain 
agarose. Values displayed as mean + SD, n = 4, *p < 0.05. 
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other 3D studies in this field [126, 195].  

The second experiment with type VII agarose showed that the mechanical properties of 

the hydrogels can be tuned by altering concentration of agarose in the gel. Both, 

instantaneous and equilibrium modulus increased with increasing agarose concentration. 

No obvious changes in the microstructure were observed, which would confirm findings 

from other studies where the change of pore size, with a similar change of agarose 

concentration, was reported to be in the nanometer range [196].  

This system thus provides the possibility to segregate mechanical properties from 

adhesion site density in contrast to, for instance, protein based model systems, and from 

changes in topography, as in porous scaffolds. Since I additionally showed that 

chondrocyte viability was not diminished through the modification process, modified 

agarose seemed to be a suitable model system for our purpose. As commercially available 

constituents were used this system is also easily adaptable by other research groups. The 

flexibility of the crosslinker additionally allows an adaptation of the system for studies 

with other adhesion proteins. 

5.2 Chondrocyte response to matrix 

elasticity in 3D 

5.2.1 Introduction 

In TE applications or in vivo cells mostly find themselves in complex 3D environments. 

Studies with other cell types showed that findings from 2D can often not be directly 

transferred into these 3D environments since cells behave very differently.  

Boontheekul et al. [2] found that the influence of stiffness on the proliferation of 

myoblasts was the exact opposite in 3D when compared to 2D culture systems, with the 

highest proliferation found in 2D on stiff materials but in soft materials in 3D. Other 

studies additionally showed that adhesion site organization and composition as well as 

cytoskeletal components are very different in 2D- when compared to 3D settings [88, 
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197]. 

The 3D model system developed in the previous section should now be applied to study 

if chondrocytes show the same response to matrix elasticity in the 3D environment as 

they did in 2D. Based on my findings in the 2D system [184], I hypothesized that 

chondrocytes change their phenotypical state, and cellular behavior, in response to matrix 

mechanics. And that soft hydrogels would be favorable for cell differentiation and ECM 

production. 

In contrast to studies in 2D, where cells cannot be immobilized without adhesion sites, 

studies in 3D additionally allow to analyze if the availability of adhesion sites per se can 

already impact cellular behavior. With this in mind, I produced hydrogels with different 

mechanical properties, modified with RGD for adhesion or with RGE as a chemically 

similar control that does not allow adhesion. Chondrocytes were incorporated in RGD- 

or RGE- modified agarose gels with different mechanical properties, and the influence of 

matrix mechanics on the differentiated phenotype, cellular proliferation and distribution, 

and ECM quantity and distribution were studied (Figure 5.6). 

5.2.2 Material and Methods 

All chemicals were obtained from Sigma-Aldrich (Buchs, Switzerland) and of 

 

Figure 5.6: Experimental setup. Cells were incorporated into materials with 
different stiffnesses and modified with RGD or RGE respectively. This allowed 
an analysis of the impact of both, availability of adhesion sites, and stiffness of the 
matrix. 
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pharmaceutical grade, unless stated otherwise. 

Hydrogel modification 

Low gelling agarose (Type VII) was dissolved in Ca2+- and Mg2+-free PBS and autoclaved. 

The amount of solution evaporated during autoclaving was determined by weighing, and 

replaced accordingly. The synthetic peptides GRGESP and GRGDSP (Bachem AG, 

Bubendorf, Switzerland) were conjugated to agarose hydrogels with the help of the 

heterobifunctional, UV-activatable crosslinker sulfo-SANPAH (Pierce, Rockford, USA), 

according to a modified protocol adapted from [119, 193]. Briefly a reaction was 

performed with the crosslinker and the respective peptides in ten molar excess for 4 h at 

room temperature (RT) in the dark. Agarose hydrogels were melted for 5 minutes at 65°C 

and cooled to 37°C. One part crosslinker-peptide mix was then thoroughly mixed with an 

equal volume of a 3% agarose solution under sterile conditions to obtain a 1.5% solution. 

The crosslinker was activated with a 450 W medium-pressure mercury arc lamp equipped 

with a filter to exclude excitation below 302 nm for three minutes. The solutions were 

gelled at 4°C and washed in PBS for seven days, with frequent changes of the solution, to 

remove unbound peptide and crosslinker. The amount of coupled protein was 

determined with a Bradford assay (Bradford Reagent), according to the manufacturer‟s 

instructions. One part of a 1.5% agarose-hydrogel, modified with 400 µM of RGD or 

RGE, was then mixed with one part 5.5% agarose to obtain gels with 200 µm protein and 

3.5% plain agarose, or with one part PBS to obtain 0.75% agarose-hydrogels. 

Cell culture 

Porcine chondrocytes from the condyles of three to six month old pigs were isolated and 

characterized as described previously in Chapter 3. Viability for all isolations was between 

97% and 99%. Culture medium was composed of RPMI 1640 Medium, with 

GlutaMAX™ and 25 mM HEPES, supplemented with 10% fetal calf serum (FCS), 1% 

antibiotic/antimycotic solution (all from Invitrogen, Basel, Switzerland) and ascorbic acid 

2- phosphate (50 µg/ml). 

Upon thawing, 20 x 106 chondrocytes were plated overnight in a 75 cm2 cell culture flask 

(TPP, Trasadingen, Switzerland) to maintain only viable cells, and thus precise cell 
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numbers for seeding. 

Modified agarose was melted for 5 min at 60°C and allowed to cool to 37°C. Cells were 

detached from the flask by trypsinization and counted with the help of a Neubauer 

counting chamber (Neubauer improved, Assistent, Sondheim, Germany). Cells were 

incorporated into the hydrogels with a density of 4.5 x 106 cells / ml. An according 

volume of cell suspension was centrifuged for 10 minutes at 300 g, the supernatant was 

removed and the cell pellet was thoroughly mixed with the agarose. For each sample, 25 

µl of cell-agarose suspension was pipetted into spacers between two glass slides to obtain 

discs with a diameter of 4 mm and a height of 2 mm. Cell hydrogel constructs were 

allowed to gel at 4°C for 15 minutes and removed from the spacers. Random samples 

were taken in all experiments to assure constant seeding densities in the different 

preparations. Constructs were cultured in free floating conditions in 24-Well plates in the 

culture medium described above. Medium was changed twice a week. 

Histology 

All samples were analyzed with the microscope Axioscope (ZEISS, Oberkochen, 

Germany) using the acquisition software Axiovision (Release 4.7, ZEISS, Oberkochen, 

Germany). 

Cryosection preparation 

Upon removal, samples for histology were placed into plastic molds, immersed in 

embedding solution (Cryomold® Biopsy Tissue-Tek® and O.C.T. compound® Tissue-

Tek® both Sakura Finetek Europe, Zoerterwoude, Netherlands), snap frozen in liquid 

nitrogen, and stored at –20°C. Cryosections of 12 µm thickness were prepared using the 

Cryo-Star HM 560 cryostat (Microm International AG Schweiz; Volketswil, Switzerland). 

Immunohistochemistry (IHC) 

Collagen type II IHC was performed according to [184]. The primary antibody against 

collagen type II (II-II-6B3, Developmental Studies Hybridoma Bank, University of Iowa, 

USA) was applied in PBS with a dilution of 1:50. Negative controls were incubated in 

PBS only. 

For collagen type I IHC, cryosections were washed in PBS, fixed for 30 min in 5% 
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formaldehyde at RT, permeabilized with 1% Triton-X-100 in PBS for 15 min, blocked 

with 2% BSA in PBS for 30 min at RT and incubated with the primary antibody against 

collagen type I (C2456, 1:1000 in PBS) for 12 h at 4°C. Negative controls were incubated 

in PBS only, additionally, positive controls were performed with dedifferentiated 

chondrocytes (data not shown).  

Detection in all samples and in controls, was performed with FITC-conjugated goat anti-

mouse IgG (Invitrogen, Basel, Switzerland) diluted 1:500 in PBS for 1 h at 37°C. DNA 

was stained with Hoechst 33258 (1µg/ml) for 15 min at 37°C; samples were washed 

extensively with PBS, and embedded. 

Histological stains 

Alcian blue staining for proteoglycans solution was performed according to [198]. The 

Alcian blue working solution was prepared by dissolving 0.025% (w/v) Alcian blue 

(Alcian blue 8GX) in 3% (v/v) acetic acid (Carlo Erba, Rodano, Italy) containing 0.15 M 

sodium chloride, and 0.06 M magnesium chloride (Hänseler AG, Herisau, Switzerland). 

Cryosections were washed with PBS, fixed in 5% formaldehyde for 30 min at RT and 

incubated in Alcian blue working solution overnight. Sections were washed in PBS, nuclei 

were stained with Haematoxylin solution (Haematoxylin solution according to Delafield) 

for 2 min, blued in tab water, washed in PBS and embedded. 

For H&E stain, sections were fixed in 5% formaldehyde, washed in PBS, stained in 

haematoxylin solution, stained in Eosin solution (Eosin Y solution), dehydrated and 

cleared in graded ethanol solutions and xylene, and mounted. To quantify cell number 

and diameter of cell clusters, 150 cell clusters from at least 4 sections were randomly 

selected and captured for each sample. Evaluation was done with the help of the 

Axiovision Software (Release 4.7, ZEISS, Oberkochen, Germany). 

Quantitative assays 

Specimens for quantitative assays were lyophilized and the dry weight was determined. 

Each sample was digested in papain solution (2.375 U/ml; Worthington, Lakewood, 

USA) in buffer (0.1 M disodium hydrogen phosphate, 0.01 MEDTA disodium salt, 14.4 

mM L-cysteine), for 16 h at 60°C. One part of the digest was directly used to determine 



CHONDROCYTE RESPONSE TO MATRIX ELASTICITY IN A 3D HYDROGEL SYSTEM 

 

99 

the GAG content; one part was frozen at -20°C to subsequently determine the DNA 

content.  

GAG content was determined in triplicates, spectrophotometrically at 525 nm, following 

binding to the dimethylmethylene blue dye (AxonLab, Baden Dättwill, Switzerland) 

dissolved at 16 mg/l in 0.01 M HCI with 40.5 mM glycine and 40.5 mM NaCl. 

Chondroitin sulfate was used as a standard. 

DNA content was measured fluorometrically using the PicoGreen assay (Molecular Probes, 

Basel, Switzerland) according to manufacturer`s instructions (excitation wavelength, 480 

nm; emission wavelength, 528 nm). 

Statistical analyses 

All statistical analyses were performed with the SPSS 17.0 software (SPSS Inc., Chicago, 

USA). Statistical significance was determined by an ANOVA followed by post hoc 

comparisons using Fisher‟s LSD. P<0.05 is considered statistically significant. DNA 

content, GAG content and GAG/DNA were analyzed separately with time of culture, 

stiffness, and type of modification as fixed factors. Diameter of clusters and cells per 

cluster were analyzed separately, with stiffness and type of modification as fixed factors. 

5.2.3 Results 

Chondrocytes were incorporated and cultured in either soft or stiff hydrogels, modified 

with RGD to facilitate adhesion, or with RGE as control (Figure 5.6). Samples were taken 

after 3, 7 and 14 days, and the chondrogenic phenotype, cellular ECM production, and 

proliferation were investigated.  

Maintenance of the chondrogenic phenotype  

Cells in all scaffold types were already surrounded by their own ECM at the first time 

point of analysis (day three) (Figure 5.7.I). Cells displayed the chondrogenic phenotype 

over the whole culture period (Figure 4.7 I-III), as shown by a clearly positive stain for 

collagen type II, a complete lack of collagen type I in all samples (in contrast to the 

positive control, data not shown), and a round morphology. This observation was 
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independent of the availability of adhesion sites and the stiffness of the substrate.  

Clusters of cells and ECM clearly increased in size over the whole culture period, with a 

more prominent increase in size of collagen type II and GAG clusters in softer hydrogels, 

when compared with stiffer hydrogels (Figure 5.7 I-III). 

Quantification of proliferation and ECM production in different hydrogels 

Quantification of DNA and GAG content confirmed that cell number and amount of 

ECM increased over the culture period in all types of scaffolds (Figure 5.8). 

There was no significant difference in GAG content and DNA content between RGD 

and RGE-modified hydrogels. However, softer gels, with both, RGD- and RGE-

modification contained significantly more DNA (p < 0.01, Figure 5.8 A and D) and GAG 

(p < 0.01, Figure 5B, E) when compared to stiffer hydrogels. The increase in DNA 

content in softer gels was highest between day three and day seven and slowed between 

day seven and 14. This trend was not observed in stiffer substrates. To determine if the 

higher GAG content in soft gels was only caused by the higher cell numbers or if cells 

were secreting more GAG, GAG was normalized to the DNA content (Figure 5.8 C, F): 

GAG per DNA significantly increased with time in culture (p < 0.01) but was neither 

affected by the availability of adhesion sites nor by the stiffness of the substrate (Figure 

5.8 C, F). 

Matrix and cell distribution in different hydrogels 

Quantitative evaluation of H&E stained sections at day 14 (Figure 5.9 A) showed that the 

average diameter of cell-ECM clusters in softer gels was 73.6 ± 28.2 µm in RGE- and 

78.3 ± 29.3 µm in RGD-modified hydrogels and was significantly larger than in stiffer 

gels, with a diameter of 57.3 ± 21.1 µm in RGE- and 48.9 ± 20.3 µm in RGD-modified 

agarose (Figure 5.9 B). Cluster in softer gels were not only bigger in size, but also 

contained significantly more cells, with an average of 6.9 ± 4.8 in soft, RGE- and 7.6 ± 

4.5 cells in RGD-modified agarose, in comparison to 3.4 ± 1.9 in stiff, RGE- and 3.4 ± 

2.2 cells in RGD-modified gels (Figure 5.9 C). 
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Figure 5.7: Collagen type II and GAG production in different hydrogels. I: After three days. II: 
After seven days. III: After 14 days.  A-D: Alcian blue staining for GAGs. Nuclei were 
counterstained with haematoxylin. E-H: IHC for collagen type II. DNA was counterstained with 
Hoechst. Cells were already surrounded by their own ECM at day three, the amount of cells and 
ECM increased with time in culture, and cells generally formed bigger ECM cluster in soft gels 
independent of the type of modification. Scale bar = 50 µm. 
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Figure 5.8: DNA and GAG quantification. A, B: DNA content in hydrogels with different 
stiffnesses, modified with A: RGE and B: RGD. C, D: GAG content in hydrogels with different 
stiffnesses modified with C: RGE and D: RGD. DNA and GAG content were significantly 
different between soft and stiff hydrogels (both with p < 0.01), but were not significantly affected 
by the type of modification (DNA-content: p = 0.91; GAG-content: p = 0.52).  
E, F: GAG per DNA in soft and stiff hydrogels modified with E: RGE and F: RGD. There was 
no significant differences between soft and stiff gels (p = 0.099) and RGD- or RGE- modification 
(p = 0.171). Values displayed as mean + SD, n = 4. *p < 0.05. 
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Additionally, a slight gradient in staining intensity of the GAG-cell clusters between the 

inner part of the scaffold and the outer rim was observed in all samples, with a deeper 

stain at the rim. This gradient was more prominent in stiff gels than in soft gels (Figure 

5.10 A and B).  

 

Figure 5.9: A: H&E stain of histological sections from day 14. Scale bar = 100 µm. B: 
Size of cell clusters in the different materials and C: number of cells per cluster. In 
softer gels cell clusters were bigger in size and contained more cells, when compared to 
stiff gels. Values displayed as mean + SD, *p < 0.05. 

. 
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5.2.4 Discussion 

Cell and ECM quantity and distribution 

Based on the findings in 2D, I hypothesized that chondrocytes would sense and react to 

matrix elasticity in 3D and that soft substrates would promote the chondrogenic 

phenotype. In this study, a clear difference between cell behavior in soft and stiff 

substrates was observed. Cellular proliferation was significantly higher in softer hydrogels, 

but the increase in proliferation was not accompanied by a phenotypical change. Cells 

were also organized in larger clusters in softer hydrogels, and differences between the 

outer rim and the middle of the hydrogels appeared less prominent. 

Based on these findings, I postulate that cells can sense the stiffness through their own 

ECM, thus, not as in 2D through active pulling of the substrate, but through the 

resistance of the surrounding substrate. Larger cell clusters could be formed against the 

resistance of the softer but not of the stiffer substrates (Figure 5.9) allowing higher 

proliferation, an observation that is also made in other systems [131]. With higher cell 

numbers, resistance in the softer gels increased as well, which led to a decrease in cell 

 

Figure 5.10: A and B: Representative Alcian blue stained sections 
(RGD-modified, day 14) from an A: 4 kPa hydogel and B: 53 kPa 
hydrogel. The white line indicates the rim of the scaffold. A gradient 
in staining intensity between the outer rim and the middle of the gel 
seemed more prominent in stiff substrates, when compared to soft 
substrates. Scale bar: 200µm. 

 



CHONDROCYTE RESPONSE TO MATRIX ELASTICITY IN A 3D HYDROGEL SYSTEM 

 

105 

proliferation in softer gels at a later time in culture. 

Differences in diffusion of nutrients and serum factors into the gel might additionally 

contribute to these findings. Since diffusivity in agarose gels was shown to decrease with 

an increase in gel concentration and an increase in the size of the molecule [199] a higher 

stiffness of the hydrogel might decrease the availability of serum factors and nutrients. 

This could reduce cellular proliferation and lead to more prominent differences between 

the rim and centre of the hydrogel (Figure 5.10 A, B). However, diffusivity in TE 

constructs and hydrogels was shown to be generally higher than in native cartilage [200] 

and studies of a positive effect of high diffusivity come to rather contrary results [201-

203]. This complicates a clear contribution. 

The chondrogenic phenotype 

Although hydrogel elasticity significantly influenced ECM quantity and distribution, 

neither the availability of adhesion sites, nor the elasticity of the hydrogels influenced the 

chondrogenic phenotype. Cells maintained their chondrogenic phenotype independent of 

the substrate properties, as shown by a complete lack of collagen type I and high 

production of collagen type II. GAG produced per cell, was not affected by the scaffold 

composition either, which confirms this finding. This is in contrast to my findings in a 2D 

PA system [204]. The 3D environment in the hydrogels, and the round morphology 

associated with it, seem to be sufficient to prevent cells from dedifferentiation. Since a 

round cell morphology has been shown to promote the chondrogenic phenotype [153], I 

postulate that the effect of stiffness on the chondrogenic phenotype in 2D was tightly 

linked to stiffness-induced morphological changes. 

The type of modification (RGD or RGE) neither affected differentiation nor proliferation 

in this study. This is in contrast to findings from MSCs, where comparable concentrations 

of RGD inhibited chondrogenic differentiation [92]. 

The fully differentiated chondrocytes used here changed their immediate surroundings, 

from the early days of culture onwards, by depositing their own ECM molecules. It is 

likely that they then mostly interacted with their own ECM, comparable to attachment to 

their PCM in vivo. Although modification with other types of ECM molecules might lead 
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to different results, these findings show that cells not only react to the physical and 

chemical properties of an environment, but also actively change it, which is an important 

factor for TE applications. 

Future studies with MSCs or expanded, dedifferentiated chondrocytes that do not directly 

change their environment (but have to first initiate differentiation) would, however, 

provide valuable additional information about the influence of substrate properties on 

chondrogenesis. 

5.2.5 Conclusions and future work 

A system was set up to study the effect of matrix elasticity on chondrocyte behavior in 

3D. I have, hereby, been able to overcome some of the limitations of other 3D systems, 

such as the toxicity of acrylamide monomers or differences in adhesion site density, in 

protein based systems. 

I showed that chondrocytes respond differently to matrix mechanics in 3D when 

compared to 2D culture: Substrate elasticity had no effect on the maintenance of the 

chondrogenic phenotype, but on cellular proliferation and cluster formation in 3D. 

The maintenance of the chondrogenic phenotype in 3D, independent of the mechanical 

properties, confirms the positive effect of the 3D environment on the chondrogenic 

phenotype [18, 38, 52, 205], but also strengthens the assumption that findings from a 2D 

environment cannot be easily transferred into the third dimension. This is especially true 

for the effects of stiffness sensing, that are likely linked to changes in cellular morphology. 

On the other hand, additional effects may be seen in 3D that cannot be investigated in 

2D, such as the restriction of cellular cluster sizes in stiff substrates, seen here. 

The excellent maintenance of the chondrogenic phenotype in this agarose-based system 

and the positive outcomes from previous in vivo studies [206, 207] also suggest that 

agarose -possibly in combination with novel biomaterials- could still be an attractive 

material for cartilage TE applications and that cells could potentially be expanded in a 

suitable 3D system, without losing their differentiated phenotype. 
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5.3 Chondrocyte redifferentiation in 3D 

5.3.1 Introduction 

The last section of this chapter describes the application of the 3D model system to 

investigate another possible scenario in TE applications: the redifferentiation of expanded 

chondrocytes. To obtain sufficient cell numbers for the formation of TE constructs with 

primary chondrocytes, these cells are typically expanded on cell culture plastic. Upon 

expansion, chondrocytes lose their chondrogenic phenotype [8] in a process called 

dedifferentiation: The stiff, 2D environment, hereby, induces cellular spreading and actin 

stress fiber formation, accompanied by a change in ECM secretion as the shift from 

collagen type II to collagen type I production [156]. 

It has been shown that the cells can regain their differentiated phenotype after expansion 

when transferred into a 3D environment [38]. In order to produce functional cartilage 

tissue, this redifferentiation process needs to induce the production of substantial 

amounts of GAGs to enable load bearing of the developed tissue [208], and a reversal of 

the shift from collagen type II to collagen type I secretion, to avoid the formation of 

fibrocartilage [9]. While the 3D environment, as well as the cellular morphology and the 

cytoskeletal organization associated with it, seems to play an important role in regaining 

the chondrogenic phenotype [38], only very few systematic studies investigate the 

influence of isolated matrix properties on this process [209]. 

The availability of cellular adhesion sites and the mechanical properties of a scaffold are 

two characteristics that may be potentially tuned to optimize the redifferentiation process. 

Adhesion site density and substrate elasticity are assumed to increase cytoskeletal tension 

in a biphasic manner [70], an effect that is likely to negatively influence the chondrogenic 

phenotype [210]. Due to its presence in a number of different adhesion molecules, RGD 

is the most intensively studied sequence involved in cellular adhesion [211]. The influence 

of RGD on primary chondrocytes is still not completely understood, but it was shown to 
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be involved in the transmission of extrinsic [212] and intrinsic [124] mechanical stimuli. 

Its incorporation into hydrogels increased collagen type I production of freshly isolated 

chondrocytes in vitro in an initial response [212], but was also shown to have a positive 

influence on chondrocytes during the development of osteochondral grafts in vivo [213]. 

To my knowledge, nothing is known about the influence of RGD on the redifferentiation 

of expanded chondrocytes in 3D. Since Conelly et al. [119, 193] recently showed that 

RGD, and therefore substrate adhesiveness, inhibited chondrogenic differentiation of 

MSCs in a dose-dependent manner, I wanted to investigate if a similar effect on the 

redifferentiation process of expanded chondrocytes can be found. 

The elasticity of a substrate is also, by now, well recognized to have an impact on 

cytoskeletal organization and differentiation [2, 5, 133, 137, 214], but the mechanisms 

behind these responses are, despite current advances [79, 215], still only poorly 

understood. Responses are highly cell type specific [7, 74, 75] but all seem to involve 

active probing of the substrate by the cell, upon adhesion, and force transmission over 

focal adhesions [216]. I showed, that chondrocytes also sense and respond to the elasticity 

of the substrate, when cultured in a 2D environment [184]. Soft substrates showed a 

 

 

 

Figure 5.11: Experimental setup. Cells were expanded in 2D, on cell culture plastic after isolation 
and their phenotypical changes were monitored. Cells were redifferentiated in different 3D-
hydrogel settings and the influence of RGD density and substrate mechanics on cellular 
redifferentiation was investigated. 
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positive effect on the maintenance of the chondrogenic phenotype, indicated by a round 

morphology, diminished actin stress fiber formation, and chondrogenic ECM production, 

while stiff substrates had a negative impact. 

I therefore hypothesized that both, an increase in adhesion site density, and an increase in 

matrix stiffness, would have an inhibitory effect on the redifferentiation process of 

expanded chondrocytes in 3D. 

To investigate this hypothesis, the tunable agarose hydrogel system from Chapter 5, 

Section 1 was applied. Chondrocytes were isolated and expanded in monolayer, and their 

phenotypical change was studied. Cells were then redifferentiated in hydrogels with 

different adhesion site densities and mechanical properties. The resulting constructs were 

analyzed to investigate the influence of the different substrate properties on the 

redifferentiation process (Figure 5.11) by looking at the reversal of the shift from collagen 

type II to type I production and on the amount of cells and GAG in the scaffolds.  

5.3.2 Material and Methods 

All chemicals were obtained from Sigma-Aldrich (Buchs, Switzerland) and of 

pharmaceutical grade, unless stated otherwise. 

Hydrogel modification and characterization 

Low melting agarose (Type VII) was dissolved in Ca2+/Mg2+ free phosphate buffered 

saline, pH 7.4 (PBS) to produce solutions with 0.75%, 1.5%, 3% and 6.25% (w/v) 

agarose. Solutions were autoclaved and the amount of water evaporated during 

autoclaving was determined by weighting, and replaced accordingly. The synthetic peptide 

GRGDSP (Bachem AG, Bubendorf, Switzerland) was conjugated to agarose hydrogels 

with the help of the heterobifunctional UV-activatable cross linker sulfo-SANPAH 

(Pierce, Rockford, USA), according to a modified protocol adapted from [119, 193]. 

Briefly, the crosslinker was reacted with the respective peptides in ten molar excess for 4 

h at room temperature (RT) in the dark. One part crosslinker-peptide mix was then 

thoroughly mixed with an equal volume of a 1.5% (w/v) agarose solution, under sterile 

conditions, to obtain a 0.75% gel. The crosslinker was then activated with a 450 W 
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medium-pressure mercury arc lamp equipped with a filter to exclude excitation below 302 

nm for three minutes. The reacted gels were gelled at 4°C and washed in PBS for seven 

days, with frequent changes of the solution, to remove unbound peptide and crosslinker. 

The amount of coupled protein was determined with the help of a Bradford assay 

(Bradford Reagent), according to manufacturer‟s instructions. Absorbance was read 

against a blank containing the same amount of plain agarose and the amount of protein 

was quantified with a bovine serum albumin (BSA) standard curve. After determining the 

amount of coupled RGD, the hydrogel solution was adjusted with a 0.75% plain agarose 

solution to obtain gels modified with 400 µM RGD and 200 µM RGD, respectively. To 

obtain 3.5% gels with 200 µM RGD, a hydrogel solution modified with 400 µM RGD 

was mixed with an equal part of a 6.25% agarose solution. 

Cell Culture 

Porcine chondrocytes from the condyles of three to six month old pigs were isolated and 

characterized as described previously [184]. Viability was between 97% and 99% for all 

isolations used. Basal culture medium was composed of RPMI 1640 Medium, with 

GlutaMAX™ and 25 mM N-(2-Hydroxyethyl)piperazine-N′-(2-ethanesulfonic acid) 

(HEPES), supplemented with 10% fetal bovine serum (FBS), 1% antibiotic/antimycotic 

solution (all from Invitrogen, Basel, Switzerland). 

Upon thawing, 20 x 106 chondrocytes were plated in high density overnight in a 75 cm2 

cell culture flask (TPP, Trasadingen, Switzerland) to exclude dead cells from the freezing 

process. Additional cells from the same batch were seeded overnight in 24-well-plates 

(TPP, Trasadingen, Switzerland) with the same density. After overnight culture, cells in 

24-well-plates were used for characterization of cells before expansion. 

For expansion, cells from cell culture flasks were detached by trypsinization, plated in new 

cell culture flasks and 24-well-plates with a density of 10‟000 cells per cm2, and cultured at 

37°C with 5% CO2 in basal culture medium for seven days. Medium was changed twice a 

week. Cells plated on cell-culture wells were then used for characterization of cells after 

expansion. Cells from cell culture flasks were detached and incorporated into hydrogels as 

described below. Cellular doubling time (td) was calculated according to [205]: 

td=t/(log2(N/N0) with t being the time of culture, N0 the number of cells before and N 
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the number of cells after expansion. 

For cell incorporation into hydrogels, modified agarose was melted for 5 min at 60°C and 

allowed to cool to 37°C. Cells were detached by trypsinization, counted with the help of a 

Neubauer counting chamber (Neubauer improved, Assistent, Sondheim, Germany). The 

volume of cell suspension needed was centrifuged for 10 minutes at 300 g; the 

supernatant was removed and the cell pellet was thoroughly mixed with the agarose to 

obtain a seeding density of 6 x 105 cells/ml. For each sample, 25 µl of cell-agarose 

suspension was pipetted into spacers between two glass slides to obtain discs with a 

diameter of 4 mm and a height of 2 mm. Cell-hydrogel constructs were allowed to gel at 

4°C for 15 minutes and removed from the spacers. Constructs were cultured in free-

floating conditions in 24-well-plates at 37°C and 5% CO2 in the culture medium described 

above, supplemented with ascorbic acid 2-phosphate (50 µg/ml). Medium was changed 

twice a week. 

Histology 

All samples were analyzed with the microscope Axioskop (ZEISS, Oberkochen, 

Germany) using the acquisition software Axiovision (Release 4.7, ZEISS, Oberkochen, 

Germany). 

Cryosection preparation 

Upon removal, samples for histology were placed into plastic molds, immersed in 

embedding solution (Cryomold® Biopsy Tissue-Tek® and O.C.T. compound® Tissue-

Tek® both Sakura Finetek Europe, Zoerterwoude, Netherlands), snap frozen in liquid 

nitrogen, and stored at – 20°C. Cryosections of 12 µm thickness were prepared, using the 

Cryo-Star HM 560 cryostat (Microm International AG Schweiz, Volketswill, Switzerland), 

transferred to SuperFrost® Plus glass slides (Menzel, Braunschweig, Germany) and 

allowed to dry at RT for at least one day. 

IHC 

For collagen type II IHC, cryosections were fixed for 5 minutes with pre cooled (–20 °C) 

methanol-acetone (7:3). Non specific binding was blocked with 2% BSA in PBS for 30 

min at RT. Specimens were incubated with the primary antibody for 1 h at 37°C, washed 
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extensively, and incubated with the secondary antibody under the same conditions. The 

primary antibody against collagen type II (II-II-6B3, Developmental Studies Hybridoma 

Bank, University of Iowa, USA) was applied in PBS with a dilution of 1:50. Negative 

controls were incubated in PBS only. 

For collagen type I IHC, cryosections were washed in PBS, fixed for 30 min in 5% 

formaldehyde, at RT and permeabilized with 1% Triton-X-100 in PBS for 15 min at RT. 

Unspecific binding was blocked with 2% BSA in PBS, for 30 min at RT and samples were 

incubated with the primary antibody for 12 h at 4°C, washed extensively with PBS and 

incubated with the secondary antibody for 1 h at 37°C. The monoclonal antibody against 

collagen type I (C2456) was applied in a 1:1000 dilution in PBS. Negative controls were 

incubated in PBS only. 

Detection in all samples and negative controls, was performed with FITC-conjugated goat 

anti-mouse IgG (Invitrogen, Basel, Switzerland) diluted 1:500 in PBS. DNA was stained 

with Hoechst 33258 in UPW (1µg/ml) for 15 min at 37°C. Samples were washed 

extensively with PBS, and embedded. 

Histological stains 

For Alcian blue staining for proteoglycans, Alcian blue working solution was prepared by 

dissolving 0.025% (w/v) Alcian blue (Alcian blue 8GX) in 3% (v/v) acetic acid (Carlo 

Erba, Rodano, Italy) containing 0.15 M sodium chloride, and 0.06 M magnesium chloride 

(Hänseler AG, Herisau, Switzerland). Cryosections were washed with PBS, fixed in 5% 

formaldehyde for 30 min at RT and incubated in Alcian blue working solution overnight. 

Sections were washed in PBS, nuclei were stained with Haematoxylin solution 

(Haematoxylin solution according to Delafield) for 2 min, blued in tab water, washed in 

PBS and embedded. 

For phalloidin stain of actin stress fibers, cryosections were washed with PBST (PBS with 

0.1% (v/v) Triton-X-100) and fixed for 1 h at 37°C with 100 mM 4-(2-

Hydroxyethyl)piperazine-1-ethanesulfonic acid, 100 mM HEPES, 50 mM Ethylene 

glycol-bis(2-aminoethylether)-N,N,N′,N′-tetraacetic acid (EGTA), 10 mM MgSO4, 2% 

(v/v) Formaldehyde, and 0.2% (v/v) Triton X-100. Samples were washed with PBST 

three times for ten minutes, and actin was stained with Alexa-488 labeled phalloidin 
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(Invitrogen, Basel, Switzerland) 1:200 in PBS supplemented with 3% (w/v) BSA and 

0.1% (v/v) Triton-X-100 at 37° for 1 h. DNA was stained with Hoechst 33258 in UPW 

(1µg/ml) for 15 min at 37°C; samples were washed extensively with PBS, and embedded. 

Quantitative assays 

Specimens for quantitative assays were lyophilized and the dry weight was determined. 

Each sample was then digested for 16 h with 0.6 ml papain solution (2.375 U/ml; 

Worthington, Lakewood, USA) in buffer (0.1 M disodium hydrogen phosphate, 0.01 M 

EDTA disodium salt, 14.4 mM L-cysteine), at 60°C. One part of the digest was directly 

used to determine the GAG content; one part was frozen at -20°C, to subsequently 

determine the DNA content. 

To quantifiy chondrocyte ECM production during the culture period, GAG content of the 

final constructs was determined in triplicates, spectrophotometrically at 525 nm, following 

binding to the dimethylmethylene blue dye (AxonLab, Baden Dättwill, Switzerland) 

dissolved at 16 mg/l in 0.01 M HCI with 40.5 mM Glycine and 40.5 mM NaCl. 

Chondroitin sulfate was used as a standard. To determine the amount of DNA, and thus 

cells, in the constructs after the culture period, DNA content was measured 

fluorometrically from a 96-well black flat-bottom microtiter plate, by using the PicoGreen 

assay (Molecular Probes, Basel, Switzerland), according to manufacturer`s instructions 

(excitation wavelength, 480 nm; emission wavelength, 528 nm). 

Diffusibility of soft and stiff hydrogels: To obtain an indication for the nutrient diffusion into 

hydrogels with different elasticites, BSA incorporation into unseeded hydrogels was 

determined. Scaffolds with either 0.75% or 3.5 % agarose were incubated in 4 mg/ml 

BSA in PBS for up to 48 h at 37°C. Samples were taken after 1, 3, 6, 12, 24 and 48 h, and 

washed with PBS. Samples were subsequently melted at 60°C and protein content was 

analyzed with a Bradford Assay (Bradford Reagent) according to manufacturer`s 

instructions. 
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Statistical analyses 

All statistical analyses were performed with the SPSS 17.0 software (SPSS inc., Chicago, 

USA). Statistical significance was determined by an ANOVA followed by Fisher‟s LSD 

with a significance level of p<0.05. BSA uptake was analyzed with incubation time and 

elasticity as fixed factors. All results are displayed as mean ± SD, n = 5 unless stated 

otherwise. 

5.3.3 Results 

Chondrocytes were expanded in monolayer for seven days. Phenotypical changes during 

the expansion period were monitored and cells were incorporated into hydrogels with 

different adhesion site densities and different mechanical properties (Figure 5.11). 

Expansion of chondrocytes 

During seven days of culture, cell numbers increased from the seeded 10‟000 to 44‟768 ± 

7‟071 cells/cm2 (Figure 5.12 A). Cellular doubling time was calculated to be 78.7 ± 7.5 h, 

cellular proliferation rate 0.307 ± 0.03 cells per day and cells reached confluence during 

the expansion period (Figure 5.12 B). 

 

Figure 5.12: Chondrocyte expansion. A: Cell number significantly increases over the 
culture period of 7 days (note: numbers on day zero are cell numbers seeded). B: 
Brightfield image of cells after expansion (nuclei stained with Haematoxylin). Cells 
reach confluency during the expansion period. Scale bar: 200µm. 
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Figure 5.13: Chondrocyte dedifferentiation. Characterization of cells before (A to D) 
and after (E to H) expansion on cell culture plastic. Upon expansion, cells spred out, 
developed organized actin fibers and started to synthesize collagen type I instead of 
type II. A, B: Cellular morphology before and after expansion: Brightfield image, 
nuclei were stained with Haematoxylin. C, D: Phalloidin stain (green) for actin fibers. 
E, F: IHC for collagen type II (green). G, H: IHC for collagen type I (green). DNA 
was stained with Hoechst (blue), scale bar: 50 µm. 
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Upon expansion, chondrocytes clearly changed their phenotype. They changed from a 

chondrogenic, round morphology to a spread out, fibroblastoid, morphology (Figure 5.13 

A, B; also note the increase in size of the nucleus on all pictures). This was accompanied 

by the development of highly organized actin-stress fibers (Figure 5.13 C, D). The 

expression of ECM molecules changed accordingly: While cells were negative for collagen 

type I and positive for collagen type II before expansion (Figure 5.13 E, G), this pattern 

was reversed after expansion, with a negative stain for collagen type II and positive stain 

for collagen type I (Figure 5.13 F, H). Cells, thus, displayed all common markers for a loss 

of the chondrogenic phenotype. 

Redifferentiation in a 3D-environment 

After expansion, cells were detached and incorporated into hydrogels with different RGD 

densities and different mechanical properties. Specimens were cultured for two weeks to 

facilitate redifferentiation. 

The effect of adhesion site density on redifferentiation 

To investigate the influence of adhesion site density on the chondrogenic phenotype, cells 

were stained for collagen type II, as a marker for the differentiated phenotype, and 

collagen type I, as a marker for the dedifferentiated phenotype. Cells incorporated into 

plain agarose produced high amounts of collagen type II during the two weeks of culture 

in 3D while collagen type II production seemed slightly diminished in 200 µM RGD, and 

visibly diminished in hydrogels with 400 µM RGD agarose hydrogels (Figure 5.14 A-C). 

Sections of specimens with plain agarose were also clearly negative for collagen type I, 

while a slight positive stain for collagen type I was seen in some of the samples modified 

with 200 µm RGD and many of the cells in specimens with 400 µm RGD stained even 

clearly positive for collagen type I (Figure 5.14 D-F). 
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Quantitative analysis of the specimens showed that DNA content after two weeks of 

culture was not significantly influenced by the amount of RGD in the gel (Figure 5.15 A), 

while the amount of GAG per sample decreased with an increase in RGD concentration 

(Figure 5.15 IB). The amount of GAG produced per DNA (and thus per cell) decreased 

visibly, and was significantly different between plain agarose, agarose modified with 200 

µM RGD (p = 0.008), and agarose modified with 400 µM RGD (p < 0.001) (Figure 5.15 

IB, C). 

Findings from the quantitative assays were confirmed in Alcian blue stained sections, 

where cells in plain agarose displayed the highest amount of GAG-production, and cells 

in 400 µm RGD-agarose the lowest amount of GAG-production (Figure 5.15 IIA-C). 

The effect of stiffness on redifferentiation 

The study in the first section of this chapter showed that the equilibrium modulus of 

modified agarose can be increased from 3.7 ± 1.9 kPa (soft) to 53.2 ± 14.64 kPa (stiff), by 

increasing the concentration of agarose from 0.75% to 3.5%. 

 

 
 

Figure 5.14: A-C: IHC for collagen type II (a marker for the differentiated phenotype) and 
D-F: collagen type I (a marker for the dedifferentiated phenotype). DNA was stained with 
Hoechst (blue). Redifferentiation was affected by the amount of RGD in the gel. Hydrogels 
with 0µm RGD showed the highest amount of collagen type II and were clearly negative for 
collagen typ I. Gels with 200 µm RGD showed slightly less collagen type II and, partly a 
positive stain for collagen type I. Gels with 400 µm RGD showed visibly less collagen type II 
and more collagen type I production. Scale bar: 50 µm 
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I hypothesized that an increase in stiffness would have a similar negative effect on the 

redifferentiation process as an increase in adhesion site density. To investigate this 

hypothesis redifferentiation in stiff substrates of plain or 200 µM RGD-agarose was 

compared to redifferentiation in soft substrates of plain or 200 µM RGD-agarose. 

An increase in stiffness did not inhibit the redifferentiation process, independently of the 

availability of adhesion sites: cells in stiff substrates stained negatively for collagen type I 

and positively for collagen type II with visibly smaller but seemingly denser ECM clusters 

(Figure 5.16). 

However, stiff gels showed a significantly lower amount of DNA than soft gels (p < 

0.001) (Figure 5.17 IA), a finding that was independent of the availability of adhesion  

 

 

Figure 5.15: I: Quantitative data from agarose modified with different molarities of agarose. A: 
DNA content per scaffold is not different in different scaffolds. B: GAG content per scaffold is 
significantly different between the highest RGD concentration and plain agarose C: GAG content 
per DNA is significantly different between plain agarose and agarose modified with both, 200 µM 
and 400 µM. Values displayed as mean + SD, n = 5, *p<0.05. II: Alcian blue staining for GAG 
produced by cells in A: plain agarose; B: agarose modified with 200µM C: RGD modified with 
400 µM RGD. In accordance with quantitative data, GAG production seemed diminished through 
RGD-modification. Nuclei were stained with Haematoxylin. Scale bar 50µm. 
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Figure 5.16: A-D: IHC for collagen type II and E-H: collagen type I. DNA was stained with 
Hoechst. The increase in stiffness did not induce an elevation of collagen type I production. ECM 
cluster of collagen type II seemed smaller in size but denser in stiff, when compared to soft 
substrates, independent of the type of modification. Scale bar = 50 µm. 

 

 
Figure 5.17: I: Quantitative data from agarose with different stiffnesses, with and without RGD 
modification. A: DNA content per scaffold was significantly different in stiff and soft gels. B: GAG 
content per scaffold was significantly different between stiff and soft gels. C: GAG content per 
DNA was only slightly different in different scaffolds. Values displayed as mean + SD, n = 5, *p < 
0.05. II: Alcian blue staining for GAG produced by cells in A: plain, soft agarose; B: modified, soft 
agarose; C: plain, stiff agarose; D: modified, stiff agarose. The staining confirmed the findings from 
quantitative assays that softer gels contained more GAG than stiffer gels. Scale bar: 50 µm. 
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sites: Stiff, RGD-modified hydrogels contained only 60% of the DNA content of the 

respective soft gels; stiff, plain hydrogels contained only 48% of the DNA content of the 

respective soft gels. 

Stiffer gels correspondingly showed a significantly lower amount of GAG per scaffold (p  

< 0.001) with only 56% GAG content in RGD-modified and 45% in plain, stiff agarose, 

when compared to the respective soft hydrogels (Figure 5.17 IB). The average GAG 

production per cell was higher in softer substrates (Figure 5.17 IC) and was hereby 

highest in plain, soft hydrogels, with 1145.5 ng GAG/ng DNA, and lowest in stiff, RGD-

modified hydrogels with 1030.2 ng GAG/ng DNA. The impact of an increase in stiffness 

on these values was not as high as the one observed from an increase in adhesion site 

density (Figure 5.15 IC). Stiff gels showed a significantly lower amount of DNA than soft 

gels (p <0.001) (Figure 4.17 IA), a finding that was independent of the availability of 

adhesion sites: Stiff, RGD-modified hydrogels contained only 60% of the DNA content 

of the respective soft gels and stiff, plain hydrogels contained only 48% of the DNA 

content of the respective soft gels. 

To investigate a possible impact of nutrient diffusion on cellular proliferation, I 

representatively investigated BSA uptake into hydrogels with different mechanical 

 

Figure 5.18: BSA uptake into hydrogels with 
different stiffnesses. BSA uptake was 
significantly higher (p = 0.002) in soft gels 
when compared to stiff gels. Values displayed 
as mean ± SD, n = 5, *p<0.05. 
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properties. Over the whole incubation period of 48 h, BSA uptake was significantly higher 

(p = 0.002) in softer hydrogels, with a maximum of 3.5 ± 0.9 mg/ml when compared to 

stiffer gels with a maximal uptake of 0.76 ± 0.27 mg/ml (Figure 5.18). 

5.3.4 Discussion 

Cells isolated from non-load bearing regions of cartilage need to be expanded to obtain 

sufficient cell numbers for the formation of functional cartilage substitutes in vitro. In this 

study, chondrocytes were expanded on cell culture plastic and their phenotypical changes 

were monitored. Different previous studies aimed at optimizing the expansion and 

redifferentiation process with the help of various soluble factors [205, 217, 218]. Since I 

was not interested in the effect of soluble factors, and in order to avoid adding further 

complexity to the study, cells were expanded in basal medium only. Cellular doubling time 

was, hereby, in agreement with doubling times of cells cultured in basal medium in other 

publications [205] and the cellular changes, correlated with a loss of the chondrogenic 

phenotype, could be clearly observed.  

Cells were then transferred into a 3D hydrogel culture system to induce redifferentiation. 

I hypothesized, that the properties of this 3D environment, namely adhesion site density 

and stiffness, would influence the redifferentiation process, with a negative impact of high 

adhesion site densities and stiff substrates. 

After a successfull redifferentiation process, cells should produce substantial amounts of 

GAG and collagen type II instead of type I to form functional tissue substitutes. In 

agreement with my hypothesis, an increase in adhesion site density had a negative impact 

on all of these features. Cells in hydrogels with high adhesion site densities produced 

significantly less GAG, and could not completely reverse the collagen production. This 

was in contrast to cells cultured in gels that did not provide adhesion sites. These findings 

are in also agreement with findings from other studies in 2D environments, where an 

increase in adhesivity was shown to increase dedifferentiation of articular chondrocytes 

[219] and inhibit the redifferentiation capacity of nasal chondrocytes [220]. 

Connelly et al. [193] also used a model system, very similar to the one used here. The 

study showed that RGD has an inhibitory effect on the chondrogenic differentiation of 
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MSCs. I observed the same effect during the redifferentiation of dedifferentiated 

chondrocytes. This might indicate similarities between the mechanisms involved in the 

chondrogenic differentiation of MSCs and the redifferentiation of dedifferentiated 

chondrocytes. However, further studies about integrin expression profiles and 

cytoskeletal assembly in the early events of the redifferentiation phase should be 

performed to gain further insight into the similarity of the involved mechanisms. 

The hypothesis that stiff substrates have a negative effect the redifferentiation process 

was not confirmed in my study: neither GAG production per cell (DNA) nor the reversal 

of collagen type I back to collagen type II production was affected by the stiffness of the 

hydrogels. My results, additionally, indicate that the influence of stiffness on cellular 

behavior in 2D cannot be easily translated into the 3D environment. While proliferation 

was increased on stiff substrates in our 2D system [184], contrary results were found in 

3D with significantly higher DNA content in soft, when compared to stiff gels. This 

reversal has already been shown with other cell types [80] and stresses the differences 

between 2D and 3D environments and the resulting need to further transfer this field of 

research into the third dimension, to gain an understanding of the processes that might be 

involved in vivo. 

I showed in the 2D study that a matrix which has an elasticity that is approximately in the 

range of freshly developed PCM [184], has a positive effect on the differentiated 

phenotype. [170]. This elasticity had no positive effect on the chondrogenic phenotype in 

my 3D study. It did, however, lead to the highest cell numbers, which resembles the 

behavior of fully differentiated chondrocytes in the previous section. While a favorable 

effect of tissue level elasticity on cellular differentiation, as found in studies with stem 

cells [7], cannot be persuasively confirmed in our 3D system, a positive effect on overall 

GAG content could, therefore, be observed. However, this effect was also seen in cells 

cultured in hydrogels that did not provide adhesion sites. This was, again, in agreement 

with the findings from the study with fully differentiated chondrocytes and may be 

cautiously interpreted as a result of two factors. First at a later stage of the 

redifferentiation period, cells might sense the resistance of the matrix through attachment 

to their own ECM rather than through attachment to RGD. Secondly, differences in the 

mesh size of hydrogels of different stiffnesses might alter the diffusivity of nutrients into 
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the gel. 

A previous study indicated that chondrocytes can respond to external mechanical 

stimulation through binding to their own ECM: chondrocytes were responsive to 

mechanical stimulation when encapsulated in inert hydrogels, an effect that was reversed 

upon addition of soluble RGD [221]. I, therefore, postulate that they can also respond to 

the intrinsic mechanical stimulus of the seemingly denser, and therefore most likely stiffer, 

ECM surrounding them in stiff hydrogels. 

Since differences in nutrient and serum uptake in hydrogels of different stiffness could be 

one possible explanation for the big difference in both, plain and modified hydrogels, I, 

representatively, Icoulf hereby show that BSA uptake into stiff hydrogels was significantly 

lower, than its uptake into soft hydrogels. 

While these results seem of high interest for TE applications, the findings also imply a 

need for further studies to investigate the involved processes. Cells constantly change 

their environment, as through the deposition of ECM proteins, or new intercellular 

contacts through proliferation. The initial response of cells to different substrate 

properties might, therefore, be very different from the long-term response and should be 

addressed in future studies. 

5.3.5 Conclusions 

This study provides interesting findings about the influence of isolated material properties 

on the redifferentiation process of expanded chondrocytes and might be used in the 

design of novel materials for the formation of cartilage substitutes. 

The results indicate that cellular binding to RGD impairs redifferentiation. Accordingly, 

materials that do not require cellular attachment, as hydrogels where cells can be 

immobilized by incorporation, might be favorable for these applications. Softer hydrogels 

seem to facilitate higher amounts of DNA and corresponding GAG deposition, but the 

resulting advantages will have to be weighed against possible disadvantages through their 

initial mechanical instability. 

Additionally, further studies are necessary to investigate the mechanisms involved in the 
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response to substrate adhesivity and stiffness, and segregate initial events in this response 

from later events in the redifferentiation process. 
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6.1 Innovations 

 

To facilitate the intentional design of biomaterials for cartilage TE, knowledge about the 

influence of isolated material properties on cellular behavior needs to be acquired. I 

hypothesized that the elasticity of a material, as one of these properties, influences 

chondrocyte differentiation and proliferation and should, therefore, be considered as a 

design variable in cartilage TE. To provide a comprehensive investigation of this 

hypothesis, chondrocyte reponse to matrix elasticity in the different possible culture 

scenarios in cartilage TE should be investigated. The formulated specific aims were, 

hereby, the adaptation of a 2D culture system to study chondrocyte reponse to elasticity 

when cultured in monolayer, the identification or, if necessary, development of a suitable 

model system for 3D culture and the investigation of an influence of matrix elasticity on 

differentiated or dedifferentiated chondrocytes cultured in 3D. In the following, the 

achievements of this thesis, with respect to an adaptation or implementation of suitable 

model systems, as well as new insides into chondrocyte response to matrix elasticity, are 

highlighted. Additionally, limitations of the studies, performed in the scope of the thesis, 

and possible future work are discussed. 

6.1.1 Model systems to study chondrocyte response to matrix 
elasticity 

Chapter 3 of this thesis shows that the 2D PA system can be adapted for the culture of 

chondrocytes and can, thus, be used to study stiffness sensing in chondrocytes. Besides 

the advantage of using a system that has been very well characterized in other studies of 

the field, this also allows a comparison of the response of chondrocytes to matrix 

elasticity to the response of other cell types. 

In a next step, a suitable 3D model should be identified or implemented. I showed in 

Chapter 4 that porous systems are not suitable to study stiffness sensing in 3D due to 

their heterogeneous mechanical properties and the limited contact between cells and 
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substrate. However, they can be used to investigate if cells respond to the pore size of the 

scaffold. Since changing the pore size in the micrometer range did not significantly 

change cell proliferation or the chondrogenic phenotype I concluded that a change of 

pore size in the nanometer range (as in a hydrogel-based system) would also not be likely 

to impact these factors. 

Based on the experiences in the porous system a tunable hydrogel system was developed 

in Chapter 5. This provides a well-defined environment to study stiffness sensing. It 

allows the alteration of matrix elasticity independent of changes in microstructure or 

adhesion site density and provides the possibility for a modification with other adhesion 

proteins for future studies. The study with dedifferentiated chondrocytes further stresses 

the superiority of this system compared with some protein-based systems in which a 

change in stiffness cannot be separated from a change in adhesion site density. The 

increase in adhesion site number inhibited redifferentiation of expanded chondrocytes 

while an increase in stiffness reduced proliferation of the cells. These two effects would 

not be clearly assignable to the respective material properties in these protein-based 

systems. 

6.1.2 Chondrocyte response to matrix elasticity 

The aim of this thesis was to provide a comprehensive study of chondrocyte response to 

matrix elasticity. I hypothesized, that the elasticity of the matrix influences proliferation 

and differentiation state of chondrocytes and should, as a consequence, be considered as a 

design variable in cartilage TE. To investigate this hypothesis, chondrocyte response to 

matrix elasticity in different possible scenarios of chondrocyte culture for cartilage TE 

applications was studied: (i) a 2D culture system after chondrocyte isolation, for instance 

prior to reinjection of cells into a site of defect; (ii) culture and expansion of chondrocytes 

in a 3D setting after isolation and (iii) redifferentiation of chondrocytes that were 

expanded on cell culture plastic, prior to implant formation. 

I applied the validated 2D PA system to show that chondrocytes sense the elasticity of the 

substrate they are cultured on and react to it. The stiffness directly influences 

morphology, proliferation and ECM secretion in 2D culture and soft substrates support 

the chondrogenic phenotype, in contrast to stiff substrates. This knowledge could be used 
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for the design of 2D culture systems that optimally support the chondrogenic phenotype 

and, hereby, delay the transition into a fibroblastoid phenotype. 

My studies about stiffness sensing in a defined 3D environment show that knowledge 

obtained in 2D-settings cannot be easily transferred into 3D: Matrix elasticity does not 

influence the chondrogenic phenotype of cells cultured in 3D. However, it seems to 

influence cellular proliferation in the gel and the size of cell clusters that could be formed 

against the resistance of the hydrogel. This effect did not depend on the incorporation of 

adhesion sites into the material. A possible explanation for this is that the fully 

differentiated cells reshape their immediate environment through the secretion of ECM 

proteins early on in the culture period. Although results in the 3D system are very 

different from findings in the 2D setting, they confirm the positive impact of soft 

substrates on chondrocyte behavior. However, the observed differences also stress the 

importance of bringing research in the field of stiffness sensing into the third dimension. 

Transferred to cartilage TE applications, my results suggest that freshly isolated 

chondrocytes can be expanded in a 3D setting. Neither the availability of adhesion sites 

nor the stiffness induces a loss of the chondrogenic phenotype and proliferation is 

increased in soft materials. 

In a last step, the 3D model system was applied to investigate the influence of both 

adhesion site density and stiffness on the redifferentiation of expanded chondrocytes. The 

results indicate that matrix elasticity has no effect on the redifferentiation process and that 

the highest cell number can be obtained in soft gels. Cells regained their differentiated 

phenotype independent of the elasticity of the material but again showed the highest 

proliferation in the softer hydrogels. Adhesion sites, in contrast, seem to inhibit the 

redifferentiation process in a dose dependent manner. These findings may be used for the 

design of suitable scaffold materials for the formation of cartilage constructs from 

autologous chondrocytes after expansion. Soft substrates would, hereby, facilitate higher 

cell numbers. Culture systems that do not require cell attachment, as hydrogels where cells 

can be directly incorporated, would optimize the redifferentiation process.  
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6.2 Limitations and future work 

 

The immediate environment of a cell, cultured in a biomaterial, is determined by a 

complex interplay of a wide range of physical and chemical material properties. Research 

conducted in the field of TE only starts to understand the influence of the single 

components in this environment. 

Although this lack of knowledge clearly necessitates research to fill this gap, it also 

complicates certain aspects of it: Findings obtained in one material cannot easily be 

applied to predict cellular behavior in a different material, and a clear separation of an 

effect of stiffness sensing from an influence of other material properties remains difficult. 

Even a model system designed to allow a clear separation of material properties is, 

hereby, subjected to some limiting factors: While the microstructure of the hydrogels does 

not seem to change with a change in stiffness, a certain structural change of the material is 

the prerequisite for a change in stiffness. Since even a change in nanotopology was shown 

to influence cellular behavior [89] a possible impact of structural changes always needs to 

be considered. Another issue that can hardly be controlled in 3D model systems seems to 

be the exchange of nutrients and waste. Even a minor change in pore size might impact 

this process and needs to be taken into account. 

A 3D hydrogel system is, additionally, likely to restrict or even determine the shape of the 

incorporated cell: Most cells tend to adapt a spread out morphology on stiff substrates in 

2D cultures [130, 198]. Stiff, 3D cultures in contrast can induce the opposite response 

when the higher material density impairs spreading [187]. The morphology, the cell is 

allowed to adapt, in turn, has a high influence on different aspects of cellular behavior, 

including differentiation and proliferation [99, 163]. This might account for some of the 

differences observed in 2D compared to 3D culture systems. 

However, this rather young field of research also holds great opportunities for future 

work. Type and density of the protein occupied for cellular adhesion is likely to impact 

the response to matrix elasticity and both factors should be varied for a comprehensive 

understanding of stiffness sensing. An extension of my experimental setups to a larger set 

of different mechanical properties would additionally be valuable to confirm the observed 
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trends and identify possible plateaus in the response. This work could then be adapted to 

studies with MSCs to cover all currently relevant cell types for cartilage TE. 

Furthermore, although I was able to gain fundamental knowledge about how 

chondrocytes respond to matrix elasticity, the cellular and molecular mechanisms 

involved in this response were not investigated in the scope of this thesis. A general issue 

in the determination of suitable mechanical properties is the high deviation in the 

mechanical testing procedures that are applied in the field. Further evaluation is needed to 

identify which mechanical test would resemble the way a cell senses the stiffness of a 

matrix the best. These investigations might be, furthermore, complemented by studies of 

stiffness sensing mechanisms for instance through an inhibition of nonmuscle myosins 

(that are likely to be part of the mechanism) or through an analysis of integrin expression 

profiles. 

6.3 Conclusions 

 

This thesis provides a comprehensive work about chondrocyte response to matrix 

elasticity in different scenarios. The obtained knowledge may help to specifically tailor the 

properties of materials used for chondrocyte culture in order to optimize cell-material 

interactions. However, since this field of research is still young, scientists only start to 

understand the complex interplay of cells and the insoluble cues in their environment. 

Extensive future work, therefore, remains necessary to deepen the understanding of the 

involved processes. 
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