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Abstract 

Tissue engineering is a promising approach for articular cartilage regeneration as no 

satisfactory treatment is actually available for cartilage, partly due to the very limited self-

healing capability of this tissue. To successfully induce a cartilaginous tissue formation, 

however, a variety of contributing factors either from a biological or engineering standpoint 

should be optimized. In particular, sufficient biophysical signals should be provided to promote 

the response of the spatially distributed cells in a biomimetic three dimensional (3D) scaffold. 

Given the significance of cartilage dissipative properties when it is submitted to loading, we 

hypothesized that hydrogels presenting adequate viscoelastic properties could provide a 

mechano-mimetic niche that would support proliferation and differentiation of cells with 

chondrogenic lineage. In addition, a preserved hysteresis source is an essential feature for a 

tough biomaterial with robust mechanical behavior. As a consequence, a carefully designed 

dissipative hydrogel might simultaneously enhance its mechanical and mechanobiological 

performances. Therefore, the development of mechanically and biologically functional 

hydrogels as model systems to study the mechanobiology of cartilage is the central aim of this 

thesis. Indeed, elucidating the aspects of cartilage mechanobiology can facilitate the clinical 

translation of engineered constructs as the mechanical cues significantly influence the cells 

response. In parallel, temperature evolution due to the conversion of the dissipated energy to 

heat following cyclic loading brings new insights to interpret the effects of mechanical forces 

on the cells behavior. In this context, identifying the optimal thermo-mechanical stimulation of 

cell-laden hydrogels can positively contribute to the development of engineered cartilage. 

Given hydrogel as a biphasic material, it can dissipate the input mechanical energy via 

interstitial fluid frictional drag and macromolecular network resistance to deformation. These 

two fundamentally different physical mechanisms, which induce a mechanical hysteresis, can 

be controlled by the biphasic material’s permeability and by the composition of its network, 

respectively. Accordingly, we firstly developed an experimental method to directly measure 

the strain-dependent permeability of visco-porous hydrogels. Based on the correlation between 

the permeability-composition pair and the hydrogel dissipation, an original combination of 

flow-dependent and flow-independent dissipation source was proposed for the design of 

biomechanically functional hydrogels. In particular, a heteroporous yet low permeable, fatigue-

resistant hydrogel was developed via a hybrid crosslinking strategy presenting weak physical 

bonds and strong covalent bonds. We showed that hydrogels with the same level of stiffness 
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and energy dissipation respond to fatigue loading in a significant different way, depending on 

their preserved or shrank hysteresis curves during cyclic loading. By developing a semi-inverse 

poro-viscoelastic model, we also showed that the load is partly carried by the solid phase in 

hybridly crosslinked hydrogels with low permeability thanks to the support of the pressurized 

fluid.   

Before evaluating the role of the dissipation mechanisms in chondrogenesis, we developed a 

reproducible cell seeding technique via a combination of computational and experimental 

approaches. In particular, the optimized compression release-induced suction (CRIS) cell-

seeding regime was supplemented with slow rotation after seeding treatment to enhance the 

cells distribution in the scaffold. Then, a systematic experimental analysis was performed 

demonstrating that permeability has a higher impact on the seeding outcome compared to 

scaffold coating and thickness. In the next step, two cell-penetrable hydrogels with 

significantly different contributions of the fluidic and intrinsic dissipation sources under cyclic 

compression were employed to study the cells behavior. We found that chondrogenesis is 

favored in the cell-laden hydrogels preserving the mechanical hysteresis through an effective 

contribution of the frictional drag mechanism compared to hydrogels having destructive 

sources of dissipation.  

To further gain insight on a possible synergetic influence of the temperature and the loading in 

the framework of studying cartilage thermo-mechanobiology (as the self-heating phenomenon 

links the temperature increase to cyclic deformation), we developed a customized in vitro 

platform in the final part of this thesis. For this purpose, RGD ligands were covalently 

conjugated to the mechano-mimetic heteroporous hydrogels while maintaining the desired 

mechanical properties. In parallel, a modular bioreactor was designed to apply compressive 

load and desired temperature scheme during culture of cell-laden hydrogels while CO2/O2 and 

humidity levels could be regulated. It was shown that cell adhesion was improved and cells-

hydrogel interaction following biophysical stimulus was better preserved within the RGD 

functionalized hydrogels. By coupling mechanical and thermal stimuli, the expression of the 

transcription factor Sox9, an early chondrogenic marker, was increased and complementarily 

the expression of Twist1, an inhibitor of chondrogenesis, was reduced compared to thermal 

and mechanical stimulation alone. Compared to the knee cartilage temperature at rest 

corresponding to 32°C, by increasing culture temperature to 37°C, the chondrogenic 

differentiation of the cells was improved, whereas their metabolism was reduced. Nevertheless, 
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the metabolic activity of cell-laden hydrogels submitted to intermittent thermo-mechanical 

stimulation was similar to free–swelling samples at 32°C. It was thus concluded that 

intermittent thermo-mechanical stimulus could support cells metabolism while promoting 

chondrogenesis. 

Collectively, the development of hydrogels with incorporation of proper dissipation sources 

could open new opportunities to enhance biomechanical functionality for load-bearing 

applications while promoting chondrocytes differentiation. As permeability directly influences 

cells distribution and infusion depth, the design of a cell-penetrable scaffold with dominant 

flow-dependent dissipation source requires a careful consideration. While cells-scaffold 

constructs are conventionally cultured at a temperature corresponding to the core body (37°C), 

applying an optimal thermo-mechanical environment might enhance the engineered cartilage 

products.  

 

Keywords: Hydrogel, intrinsic dissipation, frictional drag, fatigue performance, hybrid 

crosslinking, permeability, cartilage, thermo-mechanobiology, bioreactor, cell seeding. 
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Résume 

L’ingénierie tissulaire est une approche prometteuse pour la régénération de cartilage 

articulaire puisque aucun traitement satisfaisant est actuellement disponible pour le cartilage, 

en partie à cause de la très faible capacité d’auto-guérison de ce tissu. Pour induire une 

formation de tissu cartilagineux de manière efficace, plusieurs paramètres contribuant d’un 

point de vue biologique ou d’ingénierie doivent être optimisés. En particulier, des signaux 

biophysiques suffisants doivent être fournis pour promouvoir une réponse des cellules 

distribuées spatialement dans une matrice biomimétique tridimensionnelle (3D). Etant donné 

l’importance des propriétés dissipatives du cartilage quand il est soumis à un chargement, nous 

avons fait l’hypothèse que les hydrogels présentant des propriétés viscoélastiques adéquates 

peuvent fournir une niche mécano-mimétique qui pourrait favoriser la prolifération et la 

différenciation des précurseurs chondrocytaires. De plus, une source d’hystérèse conservée est 

une caractéristique essentielle pour un biomatériau dur avec un comportement mécanique 

robuste. De ce fait, des hydrogels dissipatifs soigneusement conçus pourraient améliorer 

simultanément ses performances mécaniques et mécanobiologiques. Par conséquent, le 

développement d’hydrogels mécaniquement et biologiquement fonctionnels en tant que 

modèle pour étudier la mécanobiologie du cartilage est le but principal de cette thèse. En effet, 

élucider les aspects de la mécanobiologie du cartilage peut faciliter l’application clinique du 

dispositif conçu car les signaux mécaniques influencent de façon significative la réponse 

cellulaire. En parallèle, l’évolution de la température due à la conversion de l’énergie dissipée 

en chaleur après les chargements cycliques apporte de nouvelles connaissances pour interpréter 

les effets des forces mécaniques sur le comportement des cellules. Dans ce contexte, identifier 

la stimulation thermomécanique optimale des cellules ensemencées dans les hydrogels peut 

contribuer positivement au développement d’un cartilage artificiel. 

Etant donné que l’hydrogel est un matériau biphasique, il peut dissiper l’énergie mécanique 

donnée par friction fluidique interstitielle et par résistance à la déformation du réseau 

macromoléculaire. Ces deux mécanismes fondamentalement différents induisant une hystérèse 

mécanique peuvent être contrôlés par la perméabilité du matériau biphasique et par la 

composition du réseau, respectivement. Par conséquent, nous avons développé, dans un 

premier temps, une méthode expérimentale pour mesurer de manière directe la perméabilité 

des hydrogels porovisqueux en fonction de la contrainte. Basée sur la corrélation entre la paire 

perméabilité-composition et la dissipation de l’hydrogel, une combinaison originale d’une 
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source de dissipation dépendante et indépendante du flux a été proposée pour la conception des 

hydrogels biomécaniquement fonctionnels. En particulier, un hydrogel hétéroporeux mais peu 

perméable et résistant à la fatigue a été développé par une stratégie de réticulation hybride 

présentant des faibles liaisons physiques et des fortes liaisons covalentes. Nous avons montré 

que les hydrogels avec le même niveau de rigidité et d’énergie de dissipation répondent au 

chargement en fatigue de manière significativement différente en fonction de leur courbe 

d’hystérèse conservée ou réduite durant les chargements cycliques. En développant un modèle 

poroviscoélastique semi-inverse, nous avons aussi montré que la charge est en partie supportée 

par la phase solide de l’hydrogel réticulé de manière hybride avec une faible perméabilité grâce 

au fluide pressurisé. 

Avant d’évaluer le rôle des mécanismes de dissipation dans la chondrogenèse, nous avons 

développé une technique d’ensemencement reproductible par combinaison d’approches 

computationnelles et expérimentales. En particulier, le régime d’ensemencement cellulaire par 

succion optimisée induite par le relâchement d’une compression a été complété par une lente 

rotation après le traitement d’ensemencement pour améliorer la distribution des cellules dans 

la matrice. Puis, une analyse expérimentale systématique a été effectuée prouvant que la 

perméabilité a un plus grand impact sur l’ensemencement résultant comparé au revêtement et 

à l’épaisseur de la matrice. Dans l’étape suivante, deux hydrogels perméables aux cellules avec 

une contribution significativement différente des sources de dissipation fluidique et intrinsèque 

sous compression cyclique ont été utilisés pour étudier le comportement cellulaire. Nous avons 

constaté que la chondrogenèse est favorisée dans les hydrogels ensemencés qui conservent 

l’hystérèse mécanique à travers une contribution efficace du mécanisme de friction comparé 

aux hydrogels ayant des sources de dissipation destructives.  

Pour mieux comprendre la possible influence synergétique de la température et du chargement 

dans le cadre de l’étude de la thermomécanobiologie du cartilage (puisque le phénomène 

d’auto-réchauffement lie l’augmentation de la température à la déformation cyclique), nous 

avons développé une plateforme in vitro sur mesure dans la dernière partie de cette thèse. A 

cet effet, des ligands RGD ont été conjugués de manière covalente aux hydrogels hétéroporeux 

mécano-mimétiques tout en maintenant les propriétés mécaniques souhaitées. En parallèle, un 

bioréacteur modulaire a été conçu afin d’appliquer une charge en compression et un profil 

de température souhaités pendant la culture des hydrogels ensemencés tout en pouvant 

contrôler les niveaux de CO2/O2 et d’humidité. Il a été montré que l’adhésion cellulaire a été 
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améliorée et que l’interaction hydrogels-cellules après le stimulus biophysique était mieux 

conservée dans les hydrogels fonctionnalisés avec RGD. L’expression du facteur de 

transcription Sox9, un marqueur de la chondrogenèse précoce, était augmentée et de manière 

complémentaire l’expression de Twist1, un inhibiteur de la chondrogenèse, était réduite par le 

couplage des stimuli mécaniques et thermiques comparé à la stimulation thermique et 

mécanique seule. Comparée à la condition de la température du cartilage du genou au repos 

correspondant à 32°C, en augmentant la température de culture à 37°C, la différenciation 

chondrogénique a été améliorée, alors que le métabolisme a été diminué. Cependant, l’activité 

métabolique des cellules dans les hydrogels soumis’ à la stimulation thermomécanique était 

similaire aux échantillons en gonflement libre à 32°C. Il a donc été conclu que des courtes 

périodes de stimulations thermomécaniques favorisent le métabolisme des cellules tout en 

promouvant la chondrogenèse.  

Le développement des hydrogels intégrant des sources de dissipation appropriées peut ouvrir 

des nouvelles opportunités pour améliorer la fonctionnalité biomécanique pour des applications 

où des charges sont présentes tout en promouvant la différenciation des chondrocytes. Puisque 

la perméabilité des matrices influence directement sur la distribution des cellules et la 

profondeur d’infusion, la conception du biomatériau perméable aux cellules avec une source 

de dissipation dépendante du flux demande une attention particulière. Alors que les dispositifs 

de matrice cellulaire sont conventionnellement cultivés in vivo à une température 

correspondant à celle du corps (37°C), appliquer un environnement thermomécanique optimal 

peut améliorer les cartilages issus de l’ingénierie tissulaire. 

 

Mots-clés : Hydrogel, dissipation intrinsèque, traînée de friction, performance de fatigue, 

réticulation hybride, perméabilité, cartilage, thermomécanobiologie, bioréacteur, 

ensemencement cellulaire. 
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 Introduction 

From a mechanical standpoint, articular cartilage can be considered as a viscoelastic porous 

material. Its dissipation capabilities are therefore central to its functional behavior. In this 

thesis, we will focus on the study of dissipative aspects in cartilage either from a mechanical 

or mechanobiological point of view. We will then capitalize on the newly obtained insight to 

develop functional biomaterials for cartilage tissue engineering. 

1-1 Articular Cartilage 

Articular cartilage (hyaline cartilage) is an avascular load-bearing tissue covering the surface 

of bones in synovial joints. Hip and knee are the largest articulating joints of the lower 

extremity (Figure 1-a) similar to shoulder and elbow in the upper extremity. These synovial 

joints support crucial mechanical forces and moments during daily life activities (Figure 1-b) 

[1]. From a biomechanical point of view, articular cartilage can experience different load types 

including compression, hydrostatic pressure, shear and tension. Cartilage tissue not only 

distributes and damps the transmitted contact loads in joints, but also provides a lubricating 

interface for articulation allowing bones to smoothly glide over each other. Articular cartilage 

is a mechanically durable, low friction (µ<0.1), poorly permeable (k<10-16 m2) and tough 

(Γ<1.5 kJ m-2) material with relatively high stiffness (Eeq≈1 MPa) and moderate deformability 

(ε < 50%) [1-5]. 

From a biological perspective, sparsely populated chondrocytes (Figure 1-c) within the 

extracellular matrix (ECM) control the hemostasis of cartilage tissue by anabolic and catabolic 

processes. The ECM is a biphasic material mainly composed of water (65-80% w), collagen 

type II fibers (15-22% w) and proteoglycan (PG) aggregates (4-7% w) [1]. In particular, ECM 

is a viscoelastic and composite network with porous structure, in which complex interactions 

take place between solid phase and interstitial fluid upon an applied loading [6]. Moreover, 
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cartilage has anisotropic and inhomogeneous mechanical properties in which a gradient of 

elastic modulus has been observed from articulating surface to the interface of subchondral 

bone [7]. This is mainly due to its stratified structure presenting different features of ECM 

components in successive regions designated as superficial, transitional/middle and deep zones 

(Figure 1-c) on top of a calcified layer on the interface with subchondral bone. As shown in 

Figure 1-c, morphology of chondrocytes and organization of the collagen network vary in 

different zones.   

	
Figure 1. Biomechanical function, structure and composition of articular cartilage in synovial joints. (a) 
Articulating joints of the lower extremity and external reaction forces to body weight. (b) Musculoskeletal 
elements of knee joints sustain demanding mechanical forces and moments. (c) Articular cartilage is a biphasic 
tissue covering the end extremity of the bones in joints. This viscoelastic tissue has a depth dependent zonal 
structure with specific collagen fibers orientation and chondrocytes distribution and shape. Collagen type II, 
proteoglycan aggregates and intestinal fluid are the main components of the cartilage tissue’s ECM (reproduced 
with permission from [6]). 

1-1-1  Cartilage lesion and regeneration 

Articular cartilage is prone to damage, loss of mechanical function and pathological cascades 

by aging and in case of severe loading. Due to limited progenitor cells source, avascular 
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composition, slow dynamics of ECM turnover and lack of blood supply, the regeneration of 

articular cartilage is very limited [8, 9]. Even a minor injury can, therefore, induce a tissue 

degeneration (even for young people) and finally lead to osteoarthritis with acute pain and 

disability. Arthroplasty is the gold standard clinical treatment for the extensive joint damage 

seen in osteoarthritis. Nevertheless, some treatments are proposed to recover lesion before its 

progression to osteoarthritis such as micro-fracture and cells implantation [10, 11]. The neo-

tissue formed as a result of these treatments, however, lacks the functional properties of hyaline 

cartilage; hence, further improvements are still required for effective clinical solutions [12]. 

Tissue engineering is an emerging approach, which combines biological and engineering 

approaches to repair degenerated tissues via cell-scaffold constructs. Cartilage tissue 

engineering is, therefore, a promising strategy to enhance the outcome of therapies for cartilage 

lesions.  

1-1-2 Cartilage tissue engineering 

Cells, three dimensional (3D) support, and signaling are generally the main pillars for classical 

tissue engineering framework (Figure 2). To successfully induce a cartilaginous tissue 

formation, the culture microenvironment should provide sufficient physical and biochemical 

regulatory signals to promote differentiation of embedded-cells in the 3D construct. In the 

following sections we briefly summarize key contributing factors for this purpose.  

	
Figure 2. Main contributing factors to classical tissue engineering strategy. Proper cell type should be efficiently 
infused into a mechanically stable biomaterial for 3D culture. Chondrogenesis is then controlled via chemical and 
biophysical stimuli to induce optimal tissue formation. 
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1-1-2-1 Cell sources and delivery 

The first step in the tissue engineering approach is incorporation of a regenerative cell source 

into the 3D support [13]. Autologous chondrocytes and mesenchymal stem cells (MSCs) are 

the mainly studied cell sources for cartilage regeneration [14]. The restricted availability of 

autologous chondrocytes, high cost and two-step surgical process of this strategy have made 

MSC a potential candidate for tissue engineering [9]. However, a specific protocol is required 

to push MSCs toward chondrogenic phenotype and maintain their linage in the artificial culture 

condition [15]. Lack of control on MSCs maturation, early hypertrophy and ossification after 

the induced differentiation process are still major issues of MSCs for their use in cartilage 

repair [14, 16]. To address these limitations, human epiphyseal chondro-progenitor (ECP) cells 

have recently been proposed as an allogeneic, responsive and stable therapeutic cell type for 

cartilage regeneration [17, 18]. Given ECP predictable proliferation capability, their single 

donor source and established cell bank, these cells of fetal origin could be a reliable option for 

cartilage tissue engineering studies and therapy. Other potentially interesting cell type 

candidates under investigation for cartilage cell-based therapies include nasal chondrocytes , 

embryonic stem cells, allogeneic chondrocytes, adipose and induced pluripotent stem cells (see 

reference [12] for pros and cons of various cell sources for cartilage tissue engineering).  

Efficient cell seeding into the scaffolds helps to modulate tissue formation and insures 

reproducible initial conditions to establish clinical procedures. Indeed, there is no chance to 

modify cells distribution and density following an ineffective cell seeding [19]. However, cell 

seeding is not yet a standard and straightforward process for a pre-formed scaffold presenting 

small pore sizes and complex tortuosity. There is a growing evidence that sophisticated seeding 

methods for different biomaterials should be employed to optimize the seeding process 

effectiveness and reproducibility. In this regard, several static or dynamic methods have been 

developed and some of them are shown in Figure 3. Despite the simplicity of the surface 

pipetting in static technique and the high viability of the attached cells, an inhomogeneous cells 

distribution in the scaffold has been observed in general for this technique [20]. While gravity 

is the driving force for the cells infusion with the static method, an external force is applied to 

facilitate the cells infiltration in the dynamic seeding methods. Spinner flask [21], flow 

perfusion [22], vacuum-aided infusion [19] and the compression forced-induced suction [23] 

are reported as promising systems for dynamic cell seeding in cartilage tissue engineering 

applications. These studies have shown that active infiltration can improve cells distribution 
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inside the scaffold in comparison to static methods. Currently, the challenge for the dynamic 

approach is to find the least complex setups and protocols for cell seeding, which can be 

performed in a limited amount of time while increasing seeding efficiency and uniformity.  

	
Figure 3. Promising dynamic cell-seeding techniques for cartilage tissue engineering. (a) The hydrodynamic 

forces assist cells penetration in spinner flask contrary to static seeding (adapted from [21]). (b) The medium 

containing cells traverses through the perfusion chamber containing scaffold to improve cells infiltration (adapted 

from [22]). (c) As the chamber containing cells suspension and scaffold is evacuated and released in vacuum 

seeding method, the cells suspension penetrates inside the air-free voids (adapted from [19]). (d) The cells 

suspension is infiltrated into the scaffold following compressive loading and unloading (adapted from [23]). 

1-1-2-2 Biomaterial 

Structural support of cells is provided by using a 3D scaffold to promote cells spatial 

distribution, viability and differentiation. The employed biomaterial should be at minimum 

biocompatible, present some bioactivity, and be mechanically stable under loading while 

allowing required solutes transport (see reference [24]: a recent review for different 

biomaterials in the field of cartilage regeneration). Hydrogels as hydrated polymeric structures 

are promising biomaterials for this purpose. In particular, hydrogels inherent analogy with soft 

tissues (water-swollen solid network) has made them unique candidate as tissues substitute. 

The main limitation of commonly used hydrogels is their nano-scale pore size which restricts 

neo-tissue formation [25]. Macro-porous polymeric biomaterials are also widely employed as 

3D structures for tissue engineering owing to their capability for tissue growth and nutrients 

transport. A variety of techniques can be utilized for the development of porous scaffolds 

including, particle leaching, phase separation, weaving, electrospinning and 3D printing (see 

reference [26]: a review for different methods of 3D scaffold fabrication).  



 

 6 

From a material standpoint, intrinsic bioactivity of natural biomaterials such as collagen or 

decellularized tissues let them to properly interact with cells [27]. The main drawback of 

natural biomaterials is, however, their insufficient mechanical properties which restricts their 

application when load support is required. Apart from biological key features in the 

development of a scaffold, a demanding set of mechanical properties including stiffness, 

damping, permeability, toughness and durability is required to sustain load in case of cartilage 

equivalents [3, 28]. Indeed, the mechanical properties of synthetic biomaterials can be 

enhanced by smart design of the material composition [29]. Yet, the ECM mimicking cell–

surface interface would be an extra demand in this case. In this context, functionalization of 

synthetic biomaterials by ECM proteins (mostly fibronectin) and anchoring ligands (mainly 

RGD) are common yet debatable approaches [30, 31]. Despite many advances in biomaterials 

development, fabricating a chondro-inductive biomaterial with enhanced mechanical 

properties to support consistent tissue formation still remains a significant challenge [32]. 

1-1-2-3 Signaling 

The chondrocytes functions within the articular cartilage is controlled through a set of 

biomechanical, electrical, and chemical cues [33]. Several growth and transcription factors 

were employed (e.g., in culture medium, or by gene and drug delivery systems) to directly 

introduce biochemical mediators for inducing chondrogenesis [12, 34]. In particular, individual 

or synergitical use of transforming growth factors family (TGF-β) and insulin-like growth 

factor (IGF-1) were shown to be influential for inducing cartilaginous ECM formation [34]. In 

parallel, chondrocytes can sense multi-faceted physical signals from their surrounding 

microenvironment and transduce them to control ECM anabolic and catabolic turnovers [35]. 

In this context, fluid exchange following an applied mechanical force enhances solutes 

transport within the poorly diffusive and avascular tissue to maintain cells metabolic activity. 

Likewise, interstitial fluid exudation can cause tissue osmolarity following ions transport and 

streaming potentials due to negatively charged proteoglycans [33, 36]. Moreover, mechanical 

loading influences the contribution of the TGF-β growth factor family by either activating their 

corresponding cell receptor or enhancing TGF-β expression [37-39]. Accordingly, there is a 

complex interaction between different signaling pathways/cascades within the cartilage tissue 

and limited fundamental mechanisms were elaborated so far. Indeed, mechanotransduction 

within the 3D mechanical environment surrounding cells is a significant signaling pathway for 

ECM homeostasis [36, 40-43]. The cartilage degradation, similar to bone resorption, in lack of 
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required mechanical loadings following joint immobilization is a known phenomenon since 

many years [44, 45]. In parallel, it is widely reported that proper mechanical stimulus can 

generate necessary signals for cartilage biosynthesis [43]. 

1-2 Mechanobiology of articular cartilage 

Conversion of mechanical inputs at the cellular level to biochemical signals is called 

mechanotransduction. Accordingly, studying the role of mechanical environment such as 

substrate stiffness and transmitted force in cells function and tissue hemostasis would define 

the framework of mechanobiology. There is a surge of interest in elucidating mechanobiology 

of articular cartilage to enhance the outcome of tissue engineering products [46, 47]. However, 

it still remains to fully understand the role of different physical cues and governing coupling 

phenomena to decipher their translation from tissue level to intracellular transcriptions. Total 

collagen and glycosaminoglycan productions are the common tissue level markers for ECM 

development in engineered cartilage [43, 48]. Likewise, collagen type II (Col2a1), aggrecan 

(Acan/Agc1) and SRY-related HMG-box gene 9 (Sox9) genes are the most utilized 

chondrogenic references at the molecular level for mechanobiological studies [49]. While 

Col2a1 is the main collagen marker of articular cartilage, the type I collagen (Col1a1, marker 

for bone), is also expressed in primary chondrocytes. Following differentiation process, the 

ratio of Col2a1 to Col1a1 expression is increased resulting in a larger differentiation index for 

chondrogenic phenotype [50, 51]. The transcription factor Sox9 is an early marker for 

chondrogenic differentiation and its successive contribution is also critical in matrix synthesis 

in synergy with Col2a1 and Acan genes as shown in Figure 4 during chondrocytes maturation 

[35, 52]. In addition, Sox9 negatively regulates collagen X (Col10a1) expression which is a 

strong hypertrophic indicator, and therefore, Sox9 inhibits chondrocyte terminal 

differentiation/ossification [53]. In parallel, Twist-related protein 1 (Twist1) is known to hinder 

chondrogenesis by direct inhibition of Sox9 as the master regulator of chondrogenic 

differentiation process [54]. Accordingly, the expression behavior of these chondrogenic genes 

following a mechanical intervention could determine how the external signal is regulating 

intracellular transcriptions.  



 

 8 

	
Figure 4. Schematic model representing different stages of differentiation during chondrocyte maturation and 

corresponding histological features, extracellular matrix markers and regulatory genes (reproduced with 

permission from [52]). 

1-2-1 In vitro models for mechanobiological study 

Given the complexity of in vivo studies and the limitation to accurately link chondrocytes 

biological response to a specific mechanical signal, conceptual in vitro models are required to 

recapitulate target cues of cartilage tissue. It is well established that cells behavior in 3D 

systems could be fundamentally different from 2D culture due to spatial distribution of cells 

adhesion, morphology and force transmission [13, 40]. Therefore, 3D in vitro models are 

generally preferred for mechanobiological study to better mimic the native environment. 

Various materials such as alginate [55], agarose [56], pHEMA [57] with different 3D features 

(network, porosity, water content, stiffness) have been employed to study chondrogenesis. 

Recently, it has been shown that viscoelastic hydrogels with a faster stress relaxation promote 

cartilage formation indicating the importance of cells mechanical confinement in 3D systems 

as a physical input [55]. In parallel, a broad range of external mechanical stimuli including 

compression [58], shear [59] and tension [60] as well as hydrostatic pressure [61] has been 

investigated for cartilage mechanobiology (see reference [43]: a recent review for mechanical 

stimulation). Even with tension stimulation which is not the typical loading condition for 
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cartilage tissue, matrix organization and tensile properties of self-assembling neo-cartilage 

constructs were shown to be enhanced [60].  

To facilitate clinical translation of in vitro engineered constructs, biomimetic platforms should 

be employed to optimize cells response with respect to biological or biomechanical 

manipulations [13]. Apart from the influence of biological mediators like growth factors, both 

the scaffold intrinsic characteristics (e.g. surface chemistry) and the material properties (e.g. 

permeability) act in synergy with external physical cues (e.g. mechanical stimulation) to 

orchestrate chondrogenesis [62, 63]. In particular, the mechanobiological regulators such as 

strain and pressure fields are generated by the applied loading based on the mechanical 

properties of the biomaterials (Figure 5). Accordingly, careful combination of 3D scaffolds and 

loadings is necessary to develop a mechano-mimetic microenvironment like cartilage. Despite 

successful implementation of specific loading regimens such as compression and shear in vitro, 

rational matching of 3D scaffolds mechanical properties to cartilage has been overlooked. 

Many mechanobiological studies have been performed on very soft hydrogels with a stiffness 

that barely reaches 100 kPa [55, 64, 65], which is insufficient to model cartilage tissue 

mechanical behavior. Indeed, only competent and recapitulating systems might provide 

pertinent in vitro models for mechanobiological studies.  

 

Figure 5. Interstitial fluid pressure, velocity, strain and stress fields can be important biophysical mediators to 

modulate chondrogenic differentiation process and ECM turnover. These mechanical regulators are varied by 

applied loading condition and biomaterial characteristics. 

1-2-2 Cyclic compression: a classic mechanical stimulus 

Articular cartilage usually experiences compressive stress following joint loading and a strain 

range of 7 to 23% has been measured in vivo in the tibiofemoral contact region during walking 

[66]. Cyclic compression is, therefore, the most relevant simulating loading regime and is 

widely employed to study the effect of the mechanical forces in cartilage mechanobiology [43, 

46, 67, 68]. Dynamic compression leads to spatiotemporal chondrocytes deformation as well 
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as fluid flow in the local mechanical micro-environment surrounding the cells. As shown in 

Figure 6, these direct and indirect effects can trigger different signaling transductions over 

nucleus, ion channels, primary cilium and cytoskeleton [46]. For instance, transient receptor 

potential vanilloid 4, as a mechano or osmo-sensitive calcium channel, was associated to 

transduction of dynamic compression in chondrocytes-agarose constructs [56]. 

	
Figure 6. Direct (e.g., nucleus deformation) and indirect (e.g., fluid pressure) mechanical signals can be generated 

following cyclic compression of cartilage tissue. These physical cues can trigger signal transduction through 

mechano-sensitive elements embedded on or inside the cell membrane (reproduced from [46]). 

The effect of cyclic compression on chondrocytes function can be varied with material 

properties, structure of the biomaterial, loading amplitude or frequency of stimulation as shown 

in Figure 7 [45]. While dynamic compression is in general stimulatory for chondrogenesis and 

ECM production [67, 69, 70], inhibitory effect of cyclic compression was also observed [71, 

72]. Indeed, the combination of a variety of loading parameters and scaffold properties can lead 

to diversely different mechanical cues for chondrocytes. In view of the complex interplay of 
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all these parameters, various in vitro models might not necessarily lead to a conductive 

mechanical environment for chondrogenesis. Therefore, large discrepancies in the cells 

response and synthesis of cartilage tissue component could be expected.   

	
Figure 7. Substantial variation of glycosaminoglycan (GAG) biosynthesis following cyclic compression in 

different biomaterials. (a) Effect of frequency of loading. (b)  Effect of biomaterials porosity (Reproduced from 

[45]).  

In order to simplify this situation and to allow for a more straightforward correlation between 

an applied mechanical stimulus and an observed tissue differentiation, an overarching 

mechanobiological variable covering all contributing parameters would be of great help. 

Mechanical hysteresis has been recently proposed to be such a mechanobiological determinant 

to encompass the influence of key physical cues [57]. Abdel-Sayed et al have shown that 

chondro-progenitor cells seeded in polymeric scaffolds are sensitive to the level of energy 

dissipation under cyclic compression. As shown in Figure 8, chondrogenic expression was at 

its highest level for scaffold dissipation close to the dissipation of healthy cartilage. Despite 

the acquired knowledge about the correlation between dissipation level and chondrogenesis, it 

still remains to be demonstrated whether only the level of energy dissipation is the sufficient 

condition to promote chondrogenesis or if the mechanism of dissipation could also have an 

influence.  
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Figure 8. Energy dissipation as a mechanobiological variable for chondrogenesis. (a) The level of energy 

dissipation for different pHEMA based scaffolds submitted to identical compression regimen and corresponding 

values for healthy (green) and degenerated (red) human cartilage (the % in the horizontal axis represents the molar 

ratio of crosslinker to monomer of the polymeric network to modulate the dissipative capacity). (b-c) Direct 

correlation was reported for expression of chondrogenic genes (ACAN and SOX9) and the level of energy 

dissipation in scaffolds (reproduced with permission from [57]). 

1-2-3 Biomechanically functional and recapitulating biomaterial 

Knowing that cartilage is a poro-viscoelastic tissue with non-linear, anisotropic and 

inhomogeneous properties [3], development of a perfectly biomimetic material is very unlikely 

and probably not necessary for specific models. In this regard, different priorities have been 

considered in the literature for matching featured mechanical properties such as compressive 

and tensile moduli and toughness [3, 8, 73]. Indeed, compressive stiffness of biomaterial is of 

great importance in case of cartilage to withstand the demanding joints loading condition after 

implantation [29, 47]. Given the inverse correlation between porosity and the stiffness of 

biomaterial [74], physiological water content close to that of cartilage (65-80%) can serve as a 

constraining parameter for its design. For the mechanical performances, dissipation is indeed 

a key attribute for defect growth resistance and toughness of biomaterials under mechanical 

loading [75, 76]. In parallel, a new paradigm is emerging on the role of dissipative phenomena 

in mechanobiology of load-bearing tissues as quoted recently in an editorial of Nature Materials 

[77]: “The role of time-dependent properties of biomaterials such as viscoelasticity on cell 

response is becoming increasingly important”. Therefore, there exists a strong incentive to 

further elaborate on the concept of energy dissipation in the development of load-bearing 

biomaterial for two important and complementary goals which are mechanical and 

mechanobiological performances. 

Interestingly, cartilage as a load-bearing soft tissue can efficiently dissipate the input energy 

following an applied loading thanks to its poro-viscoelastic properties [1, 57, 78]. Being a tough 
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material with unique tribology, articular cartilage can also sustain innumerous cycles of 

physiological loading over the lifetime [1, 8]. A biomaterial with similar degree of porosity, 

dissipation and stiffness to articular cartilage could, therefore, be a biomechanically mimetic 

and functional platform for mechanobiological study. However, a merely stiff and hysteretic 

biomaterial is not necessarily fatigue resistance. Indeed, the different sources of dissipation 

must be carefully designed for a robust mechanical performance under cyclic loading. 

1-3 Mechanical hysteresis 

The mechanical dissipation is generally described as a global variable and is usually quantified 

by the area of the hysteresis loop for viscoelastic materials under dynamic loadings (Figure 9-

a). This loop is generated due to the difference of the given and the retrieved mechanical energy 

during loading and unloading steps. Indeed, the energy dissipation of visco-porous biomaterials 

under cyclic loading could be either due to intrinsic solid matrix dissipation or frictional drag 

mechanisms (i.e. flow-independent or flow-dependent viscoelasticity) [1, 78]. While resistance 

to flow of interstitial fluid within the solid matrix is the dominant mechanism for the latter, the 

former is influenced by interaction and rearrangement of the polymeric network upon loading. 

Therefore, not only parameters of external stimulus can modulate the hysteresis loop area, but 

also the material composition and internal structure contribute to dissipative phenomena during 

cyclic loading (Fig. 9-b). 

	
Figure 9. Energy dissipation in viscoelastic material. (a) Hysteresis curve is generated due to intrinsic (solid 

network attributes) and fluidic (solid-fluid interaction in porous media) dissipative phenomena and the load-

displacement values do not follow the same path during loading and unloading. (b) Energy dissipation is 

associated with applied loading frequency and amplitude as well as mechanical and structural properties of 

material. 
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1-3-1 Dissipative biomaterials 

Toughness as the amount of energy to fracture is a key mechanical property for a load-bearing 

material to avoid failure. Damping of input energy via mechanical hysteresis in dissipation 

zone protects the loaded material by shielding the crack tip and improves its toughness [76]. 

Since insufficient dissipative capacity is the main reason for low toughness, various dissipative 

hydrogels have been developed with the aim of achieving high toughness similar to biological 

tissues to sustain physiological loads [73]. In this intensive research context, innovative 

strategies were proposed including double network (DN) [79], hydrophobic modification [80], 

block copolymers [81], opposite polyelectrolytes [28] as well as hybrid [82] and composite 

[83] systems. Although these strategies all follow the same principle of dissipating imposed 

input energy by incorporating different sacrificial elements into the polymeric network, the 

nature of the intrinsic dissipative blocks and their working mechanisms are quite different (See 

reference [75]: a recent review for designing intrinsic mechanisms of dissipation). Collectively, 

significant results have been obtained in the development of dissipative hydrogels with 

reported toughness values even outperforming the cartilage one [73, 84]. However, insufficient 

load support capability in moderate strain range limits the application of these tough hydrogels 

for cartilage tissue regeneration. In addition, only recently the preserved sources of dissipation 

have been considered for a robust fatigue behavior under cyclic loading [84-86].  

Gong and colleagues pioneered the idea of employing sacrificial elements in covalently 

crosslinked DN hydrogels (Figure 10-a) via a two-step process [79, 87], in which the second 

soft and ductile network supplements the firstly formed stiff and brittle network. Despite 

superior mechanical properties of the interpenetrating networks over their single-component 

hydrogels, the conventional covalent DN systems show weak fatigue performance [75]. In this 

system, the rigid and brittle network is fractured to dissipate energy while flexibility of the 

second network keeps its configuration. However, due to permanent bonds rupture after the 

initial loading, the source of dissipation is vanished for subsequent cycles of loading. To 

address this limitation, semi-physical DN hydrogels (Figure 10-b) were developed by 

employing reversible ionic bonds as sacrificial elements to dissipate energy [88]. A major 

limitation for ionic bonds is the lack of chemical stability in presence of mobile ions which is 

a common situation in a biological environment [82]. In addition, the uncontrollable water 

uptake after immersion in aqueous environments is another issue in hydrophilic DN hydrogels 

[89] and can deteriorate the mechanical performance of these hydrogels for biomedical 
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applications. To reduce the high swelling and simultaneously increase mechanical dissipation, 

reinforcing nano-fibers were incorporated into the polymeric structure of semi-physical DN 

hydrogels [83]. 

	
Figure 10. Schematic representation of different strategies for enhancing intrinsic dissipation of hydrogels. (a)  

Classical double network approach with two covalently crosslinked interpenetrating network (adapted with 

permission from [87]). (b) Semi-physical double network approach with ionic crosslinking in one network and 

covalent crosslinking in another network (adapted with permission from [73]). (c) Single network structure of 

polyions with different bonds strength (adapted with permission from [28]). (d) Hybrid double network with 

covalent bonds and crystalline domains (adapted with permission from [82]).  

Recently, fully physical DN hydrogels with partial fatigue resistance and self-healing 

capability have been designed by using hydrophobic associations [84, 85]. Despite being 

dissipative upon large deformations and having high water content (80-90%), these physical 

hydrogels usually have poor stiffness in moderate strain range (<50%), and therefore, their load 

support capability is limited. The principle of sacrificial bonds has also been employed in single 

network (SN) systems by tri-block copolymers [81] and opposite charge polyions (Figure 10-

c) [28]. By developing a dually crosslinked structure with different bonds strength, these SN 

hydrogels can dissipate energy via weak bonds and maintain system configuration by strong 
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bonds (Figure 10-c). Despite showing attractive mechanical performance in 50-70% water 

content range, the pH sensitivity due to ionic bonds as source of dissipation is still a significant 

limitation for these hydrogels [82]. To fabricate chemically stable, stiff and tough hydrogels, 

successive steps of polymerization, drying, annealing and re-hydration were designed to form 

a hybrid DN system with crystalline domains and covalent crosslinkers (Figure 10-d). The main 

advantage of this system is using crystallites as a stable dissipation source under deformation 

instead of ionic bonds with degraded dissipative capacity in electrolyte solutions [82]. Long 

recovery time for reassociation of unzipped domains and relatively low compressive stiffness 

are, however, the main weaknesses of these hybrid hydrogels. Collectively, despite 

development of many dissipative hydrogels, designing biomechanically functional 

biomaterials presenting preserved mechanical hysteresis still remains a significant challenge. 

In addition, non-physiological fabrication methods for developing stiff and dissipative 

hydrogel are generally incompatible with cells encapsulation approach [73]. Development of 

porous structure using these hydrogels composition by bio-fabrication methods and 

subsequently infusion of cells into their pre-formed scaffolds could potentially help to utilize 

them in tissue engineering applications. Architecture of porous structures can be varied by 

porosity, pore size, pores interconnectivity and orientation. However, the effect of all 

morphological attributes can be described by the permeability as a robust quantitative 

parameter. Permeability directly influences transport phenomenon (important for nutrients, 

growth factors and cell delivery) and indirectly regulates fluid pressure and velocity in porous 

scaffolds [51, 90]. Indeed, permeability of a porous material can contribute to its time-

dependent behavior under loading through frictional drag mechanism. Therefore, an interesting 

potential also exists to employ permeability for supplementing intrinsic material dissipation 

with fluidic dissipation in the development of dissipative biomaterials. 

1-3-2 Temperature increase due to energy dissipation 

Temperature increase due to dissipated energy following cyclic loading is an established 

concept for viscoelastic materials [91, 92]. Since articular cartilage is a viscoelastic tissue with 

high dissipative capacity, temperature increase following joint loading could occur. Normal 

knee temperature at rest is about 32-33°C [93, 94] which is 4-5°C lower than the core body 

temperature and standard culture condition in vitro (37°C). By using finite element modeling, 

it has been numerically shown [95] that the power of heat generation in normal cartilage may 

increase the internal tissue temperature around 1-2°C following a 10 minutes cyclic 
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compression (15% amplitude at 1.5 Hz) [95]. As measured inside intra-articular region of the 

knee by implanted probes, the temperature can be increased to 38°C after 60 minutes of jogging 

[94]. A temperature increase of about 4°C after 1 hour of walking was also predicted by 

employing a simplified lumped model with experimentally determined heat transfer parameters 

from normal knee cartilage [96]. Accordingly, the self-heating phenomenon due to viscoelastic 

behavior of articular cartilage has been introduced as a new mechanobiological cue for 

chondrogenesis [96, 97]. 

While in vitro mechanobiological models typically consider a constant culture temperature of 

37°C, there are only a few studies regarding the effect of culture temperature on chondrocytes 

biological response. In a recent study by Ito et al in this context, behavior of human 

chondrocytes in monolayer and pellet formats were analyzed at 32, 37 and 41°C culture 

conditions [98]. It was observed that culture at 41°C significantly decrease the cells metabolic 

activity and chondrogenesis compared to both other culture temperatures at 32 and 37°C. In 

addition, a higher metabolic activity for the 32°C condition was observed contrary to a better 

chondrogenic differentiation at 37°C. Similar conclusions were also drawn for human chondro-

progenitor cells cultured at 33 and 37°C in 2D condition [97]. Collectively, it has been shown 

that proper heat stimulation (temperature increase) can enhance chondrocytes viability and 

chondrogenic differentiation [99-101]. Over-stimulation by heat, however, reduces the cells 

viability and inhibits cartilage matrix synthesis [98, 99]. 

1-4 Bioreactors 

Bioreactors are devices designed to maintain culture environment for cells or cells-scaffold 

constructs to grow, while applying physicochemical cues in a controllable manner. In the 

simplest case, a standard incubator is a static bioreactor for a culture dish with the ability to 

control constant CO2, temperature and humidity level inside the chamber. However, careful 

modulation of the in vitro culture conditions, as an attempt to simulate certain cues of in vivo 

environment, is accomplished via more refined bioreactors. In this context, various types of 

dynamic bioreactors have been developed for regulating nutrient transport, oxygen tension and 

biophysical stimulation [13, 43, 102]. Rotating wall vessels, spinner flasks and perfusion 

chambers are widely employed systems in tissue engineering framework to overcome the 

diffusion–based mass transfer limitations. They all improve nutrient supply and oxygen 

infiltration depth into and complementarily waste removal from the engineered construct. 
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Applied shear stress on cells due to fluid flow can also be controlled to some extent by the flow 

rate of the perfusion system and rotation speed of the vessel [43].  

In parallel, bioreactors capable to apply hydrostatic pressure, compression, shear and tension 

are sophisticated loading platforms for cartilage tissue engineering and mechanobiology [43, 

68]. Additionally, multi-functional bioreactors that combine compression, shear, rolling and 

sliding have been designed to simulate complex physiological loading condition in articulating 

joints [68, 103]. It has been shown that synergetic physical stimulation could be more effective 

than a single loading mode for specific chondrogenic markers [59, 68]. Despite the existing 

evidence that chondrocytes can experience a varied thermal environment subsequent to joint 

loading, in vitro mechanobiological models usually consider a constant culture temperature 

during mechanical stimulation. Therefore, developing a bioreactor to allow the control of 

temperature evolution during dynamic loading is required to better simulate the in vivo cartilage 

environment and investigate the synergetic effect of temperature and loading.  

1-5 Thesis overview 

The central theme of this thesis is to study the function of dissipation mechanisms in the 

development of load-bearing biomaterials. Given the critical role of dissipative phenomena on 

the toughness and the emerging evidence for viscoelasticity as a key feature to regulate cells 

behavior, an interesting potential exists to capitalize biomaterials dissipation for enhancing 

mechanical and mechanobiological performances simultaneously. To study these two different 

but complementary goals, pHEMA based hydrogels were employed as a biocompatible 3D 

support with tunable mechanical properties. To develop a mechanically functional biomaterial 

as a recapitulating platform for cartilage mechanobiology, stiffness, water content and 

dissipative capacity were considered as primary design parameters. The fatigue performance 

of dissipative hydrogels was carefully designed by controlling different sources of dissipation. 

Permeability of the visco-porous hydrogel was introduced as the design variable for flow-

dependent dissipation and hydrogel’s material composition for the network intrinsic 

dissipation. In parallel, a systematic analysis was performed to decipher the relative importance 

of influential factors on the effectiveness of cell seeding into the scaffolds. To evaluate the role 

of dissipation mechanisms in chondrogenesis, two cell-penetrable hydrogels with significantly 

different contribution of the fluidic and intrinsic dissipation sources under cyclic compression 

were developed. With the aim of enhancing cell-scaffold interaction, a method was developed 

to bio-conjugate RGD motifs onto the exposed surfaces of the porous hydrogel. A modular 
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bioreactor was also developed to independently control the applied stress/strain, temperature 

and CO2/O2 levels during culture of cell seeded-hydrogels. This device was then employed to 

study the synergetic and decomposed effects of cyclic compression and temperature evolution 

on chondrogenic differentiation of cells. 

Based on the overview for the thesis, we divided the research to four specific studies each of 

them presented in a chapter as briefly presented here.  

Chapter 2. Permeability of the 3D biomaterial has considerable effect on solutes transport 

(affects also cell seeding), developed pressure/velocity fields inside pores and fluid-solid 

interactions. Direct characterization of permeability in tissue engineering scaffolds under 

deformation is also a critical step for evaluating the flow-dependent viscoelasticity and 

therefore is the first goal of this research. 

Chapter 3. An efficient and uniform distribution of cells in a scaffold is essential to obtain a 

normalized initial condition either for the fundamental in vitro experiments or for clinical 

applications. Since there is no chance to modify the cells distribution and density following an 

ineffective cell seeding, the second objective of the work is developing a practical seeding 

protocol leading to uniform distribution of cells inside 3D scaffolds.  

Chapter 4. Dissipation is a key attribute for performance of viscoelastic biomaterials under 

mechanical loading. A new paradigm is also emerging in the role of dissipative phenomena on 

mechanobiology of load-bearing tissues. Therefore, an interesting potential exists to employ 

dissipation for these two different but complementary goals in the development of biomaterials. 

Determining the role of the different dissipation sources on the mechanical and 

mechanobiological behaviors of the load-bearing hydrogels is the third yet primary objective 

of this research. 

Chapter 5. Careful design of biomaterials properties, cell-scaffold interaction and in vivo like 

stimulation is required to guide chondrocytes differentiation and facilitate clinical translation 

of engineered cartilage. Considering the self-heating phenomenon in cartilage upon cyclic 

loading, developing a customized in vitro platform to study the synergetic effect of temperature 

increase and mechanical stimulation is the last objective of this thesis.  

A final chapter closes the thesis by summarizing and discussing the major obtained results.  
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 Experimental Method to Characterize the Strain 

Dependent Permeability of Tissue Engineering Scaffolds*

 

2-1 Abstract 

Permeability is an overarching mechanical parameter encompassing the effects of porosity, 

pore size, and interconnectivity of porous structures. This parameter directly influences 

transport of soluble particles and indirectly regulates fluid pressure and velocity in tissue 

engineering scaffolds. The permeability also contributes to the viscoelastic behavior of visco-

porous material under loading through frictional drag mechanism. We propose a 

straightforward experimental method for permeability characterization of tissue engineering 

scaffolds. In the developed set-up a step-wise spacer was designed to facilitate measurement of 

the permeability under different compressive strains while maintaining similar experimental 

conditions during the successive measurements. As illustration of the method, we measured the 

permeability of scaffolds presenting different average pore sizes and subjected to different 

compression values. Results showed an exponential relationship between the permeability and 

the average pore size of the scaffolds. Furthermore, the trend of the permeability decrease with 

compressive strains was depending on pore sizes of the scaffolds. The permeability also 

appeared to play a role in relaxation behavior of the scaffolds. 

 

Keywords: Scaffolds, Permeability, Pore size, Compressive strain, Frictional drag 

                                                 

* This chapter has been published in Journal of Biomechanics (Volume 49, 2016, 3749–3752). 
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2-2 Introduction 

Permeability is considered as an integrative variable for tissue engineering (TE) scaffolds  

reflecting the role of contributing parameters in their architectures such as porosity, pore size, 

interconnectivity and orientation of pores to flow direction [1]. The permeability of the scaffold 

not only influences infiltration and diffusion of soluble particles in TE applications but also 

passively controls the velocity and pressure fields of fluid phase inside the scaffold under 

mechanical stimulation.  

From another point of view, the permeability can be understood as a primary mechanical 

determinant defining frictional drag that is the resistance of a 3D biomaterial for flowing fluid 

through its tortuous structure [2, 3]. Accordingly, permeability can be controlled to tune 

viscoelastic behavior of biomaterials under loading. Specifically, energy dissipation and stress 

relaxation of TE scaffolds are key viscoelastic features in dynamic and static loading regimes, 

respectively. Interestingly, these mechanobiological variables have been shown to be 

significantly influential on cellular response of load bearing tissues [4, 5].  

Obviously, permeability is varied under compressive strain due to the deformed scaffold’s 

internal structure and geometry. Different theoretical models have been developed to establish 

relationships between the strain and permeability for biological tissues such as cartilage 

(interested reader is referred to [6-9]). While many experimental studies have been performed 

to measure the permeability of biological tissues and scaffolds (see [10] for a review), only very 

few techniques have been developed to quantify the corresponding strain dependent 

permeability of the scaffolds. In a pioneer work for tissue engineered scaffolds, O’Brien et al 

[11] developed an experimental set-up allowing to measure the permeability of highly porous 

natural polymeric scaffolds (porosity higher than 95%) under different strain conditions. 

However, their system necessitates disassembly and reassembly steps of the rig for 

measurements of the permeability under different compressive strains. This technical approach 

impacts the reliability of the permeability measurement as permeability quantification is highly 

dependent on the initial and boundary conditions. 

Kenneth et al [12] tested synthetic PVA scaffolds under confined compression to indirectly 

quantify strain dependent permeability according to the biphasic theoretical model for cartilage 

[6]. The employed model for permeability determination in that study was based on linear 

infinitesimal strain theory, while the range of applied compressive strain caused large 

deformation and nonlinear behavior. Therefore, the predicted permeability values from 
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confined compression experimental data based on the assumed model were not reliable 

anymore. In particular, Ateshian et al [13] have already discussed the limitation of indirect 

estimation of the permeability from creep or stress-relaxation experiments when finite 

deformation biphasic theory is used [13]. They showed low sensitivity of the reaction force vs. 

time data in confined compression (e.g., stress relaxation or creep tests) to large variations of 

the permeability function parameters. The difficulty of the indirect methods resides in the 

parameters estimation of the mathematical function for samples with different porosities, pore 

sizes, interconnectivity and viscoelastic properties, which indeed requires several experiments.  

In this work, we present a general experimental technique to accurately characterize strain 

dependent permeability of tissue engineering scaffolds. In the proposed test rig, we designed a 

step-wise spacer for straightforward characterization of the permeability under different 

compressions while preserving initial and boundary conditions. As example, we applied this 

method to recently developed viscoelastic scaffolds presenting different average pore sizes 

subjected to different compression values.  

2-3 Materials and Methods 

Macroporous scaffolds with different average pore sizes and crosslinking density (3 groups) of 

pHEMA-EGDMA were prepared by salt leaching method as reported elsewhere [3, 4]. Each 

swelled scaffold was cut with an 8 mm diameter punch and the thickness was sized to 3 mm 

using a custom-made cutting tool. The equilibrium Young modulus of hydrated scaffolds were 

determined through applying successive compressive strains (10, 15 and 20%) with the Instron 

uniaxial testing machine (Instron E3000, Norwood, Massachusetts, USA) as described 

elsewhere [14]. Unconfined stress relaxation tests of 20% strain were also performed for fine 

and coarse pore size scaffolds at 50 µm/s and 5 µm/s compression rates as schematically 

depicted in Figure 1-a (See supplemental data for detail). 

Micro-computed tomography (µCT) scans (Skyscan 1076, Bruker-microCT, Kontich, 

Belgium) of freeze-dried scaffolds (n=3) were used to calculate with CTAn software (Bruker-

microCT) the average and the distribution of pore sizes in dried state (See supplemental data 

for detail). By measuring the bulk geometry of the scaffolds in hydrated as well as in dried 

states, the pores volumetric expansion (PVE) was evaluated. We then estimated the 

corresponding average pore size change as cubic root of PVE (√ ) [15]. Finally, by 

multiplying this value to obtained results from µCT of dried scaffolds, the hydrated state 

characteristics were calculated (Table S1). The porosity  was determined by measuring the 
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volume V and weighting the mass of the swelled mwet and the dried scaffolds mdried according 

to Eq. 1. 

/
100 (1) 

We modified a previously proposed set-up by O’Brien et al [11] for measuring strain dependent 

permeability of scaffolds. In the developed set-up as illustrated in Figure 1-b, we used a step-

wise spacer, which allows measurements of the permeability in different compressive strains 

(10%, 18%, 27%, and 35%) in one assembly.  

	
Figure 1. Employed test rigs for scaffolds evaluation. (a) Schematic illustration of the stress relaxation test. (b) 
Permeability chamber with stepwise spacer and the sealant. (c) Schematic of the experimental setup to measure 
permeability of a scaffold under different compressive strains.  

Before measuring the permeability of scaffold, we needed to insure that our set-up is leakproof. 

For this purpose, a thick cylindrical sealant (3.5 mm thickness, 7 mm internal and 15 mm outer 

diameter) was designed to guarantee the sample’s sealing while maintaining a uniform 

deformation. It was made of a silicon rubber (Elastosoil M4601, Wacker Chemie, Munich, 

Germany) and we obtained its equilibrium Young modulus by sequential compressive strains 

of 5, 10, 15 and 20% considering stress relaxation after each step [14]. The level of pre-strain 

resulting in required sealing force to prevent any leakage under the applied experimental 

conditions was then evaluated using Hooke’s law and press fit’s equations for thick walled 

cylinders. 

To calculate the permeability, as schematically shown in Figure 1-c, after stress equilibrium, 

the flow rate was measured under constant water head condition using the weight of the flowing 
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water passing the scaffold (n=4-6) and a stopwatch. The permeability k of the scaffold was 

calculated using Eq. 2 based on Darcy’s law [10, 16].  

 (2) 

where, µ represents the dynamic fluid viscosity (0.001 Pa.s for water), A is the actual scaffold 

cross section (πr2 = 2.83E-05 m2), L stands for the thickness of the sample (m), h is the constant 

fluid head (2.04 m), Q denotes the measured volumetric flow rate (m3/s), ρ is the density of the 

fluid (1000 kg/m3 for water) and g is the gravity constant (9.81 m/s2). The thickness of sample 

decreases in Eq. 2 in case of different compressive strains corresponding to steps of the spacer 

(3.00, 2.70, 2.45, 2.20 and 1.95 mm, respectively).  

2-4 Results  

We developed different types of viscoelastic scaffolds having elastic modulus (0.76 to 1.2 MPa) 

within the range of articular cartilage by tuning the crosslinker (Cr) percentage of the base 

material and pore size as reported in Table 1. The average pore size and porosity for the three 

types of scaffolds ranged from 162 to 271 µm and 63% to 68% as reported in Table 1. The 

obtained results from the stress relaxation tests (Figure 2-d) revealed that the initial decay rate 

and relaxation time of transient stress were significantly different between fine and coarse pores 

size scaffolds (Table S2). 

Table 1. Important characteristics of the developed viscoelastic scaffolds. 

Scaffold type 
4%Cr-Fine 

pore size 
6%Cr-Medium 

pore size 
8%Cr-Coarse 

pore size 

Equilibrium Young modulus - (kPa) 760±63 1008±163 1201±154 

Time to relax 90% of transient stress at  5 µm/s rate - (s) 581.5±76 378±30 341±45.5 

Average pore size - d (µm) 162±5 196±4 271±5 

Range of distribution of pore sizes within ± σ - (µm) 107-216 127-266 175-367 

Porosity -  (%) 68±2 65±3 63±3 

The compressive modulus of the rubber sealant was 1226 ± 154 kPa and, therefore, with any 

value higher than 5% pre-strain of the sealer, leakproof condition for permeability measurement 

could be insured. Typical measurement times varied between 2 to 60 minutes (after reaching 

steady state condition) depending on the scaffold pore size and the applied compression. 

Performed permeability measurements revealed significant decrease in the permeability as the 

pore size of the scaffolds was reduced (Figure 2-a), and the trend for this reduction was 

exponential (Figure 2-b). Moreover, dramatic permeability drop under compressive strain was 
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observed for scaffolds presenting smaller pore sizes. In fact, for scaffolds with coarse pore sizes 

(d=271 µm), we observed almost a linear trend for the permeability decrease under compressive 

strains up to 20%. On the contrary, for scaffolds with the fine pore size (d=162 µm), this trend 

was nonlinear and decreasing exponentially (Figure 2-c).  

 

Figure 2. Results of permeability and rate dependent stress relaxation measurements for viscoelastic scaffolds 
under compressive strain. (a) Comparison of permeability for different groups of scaffolds; plus (+) symbol shows 
significant difference (p<0.05) using Student t-test (n=4-6). (b) Trend of permeability with average pore size of 
the scaffolds in 0% strain condition. (c) Strain dependent permeability trend for fine and coarse pore size scaffolds 
up to 20% strain. (d) Representative stress relaxation curves of 20% strain for fine and coarse pore size scaffolds 
at 5 and 50 µm/s loading rates. 

2-5 Discussion 

A fairly simple indeed reliable experimental method for permeability measurement of the 

scaffolds under compressive strain was presented. Our measurements revealed that the 

permeability is an exponential function of the average pore size of the scaffolds in strain free 

condition. Additionally, we observed that the decreasing trend of permeability under 

compressive strain is quite different depending on pore sizes of the scaffolds. The scaffolds 

having fine pore size (d=162 µm) showed an exponential drop in permeability under 

compression similar to established cartilage model [6, 9]; coarse pore size scaffolds  (d=271 



 

 33 

µm), however, indicated almost linear strain dependent permeability reduction. The 

permeability also appeared to play a role in relaxation behavior of the scaffolds. The release of 

compression-induced fluid pressure during decaying phase was easier in coarse pore size 

scaffolds with higher permeability resulting in faster initial decay rate and shorter relaxation 

time compared to fine pores scaffolds. It is worth mentioning that the complex interaction of 

entangled chains of polymer network is also reported to be an important mechanism for stress 

relaxation in covalently crosslinked structures [17, 18]. 

In the present work, we assumed isotropic material properties for our scaffolds since pores are 

randomly distributed and oriented within the entire volume (Figure S1). Our permeability 

measurement for coarse pore size scaffolds in strain free condition is comparable with reported 

values by Spain et al [19] (1.81±3.6×10-12 m2) which used synthetic scaffolds with similar 

characteristics such as porosity range (ranged from 51 to 70%) as our scaffolds. On the other 

hand, the reported values of permeability in O’Brien et al [11] study, for scaffolds in the range 

of our fine pore size scaffolds, are higher than our measurements. This is not surprising since 

the porosity of the scaffolds in their study (>95%) is much higher than our scaffolds (<70%). 

It is worth mentioning, according to the semi-empirical Kozeny-Carmen equation [10, 20], the 

permeability is a function of the porosity of the porous media.  

We proposed the stepwise spacer to eliminate disassembly and reassembly of the rig for 

measurements of the permeability under different compressive strains. In the proposed set-up 

of O’Brien et al [11], by reinstalling the rig for each measurement, the same experimental 

condition between different compression values may not be conserved and, therefore, the 

obtained results could reflect large variations. In the present set-up, the sealant geometry was 

designed to have large enough thickness for providing required sealing force after rig assembly. 

This strategy prevents pressure loss in the chamber during measurement. In addition, its smaller 

internal radius leads to integration of the sealant and scaffold due to the elastic behavior of the 

sealant which blocks fluid to pass around the sample (radial sealing by interface pressure due 

to press fitting). The previously proposed systems (compressing sample edges by sealant 

axially) for sealing by others such as Sell et al [21] and O’Brien et al [11] are appropriate for 

soft samples but would damage the structure of stiffer scaffolds under large compressive strain 

(e.g., 40%). Likewise, glue solution for sealing is not usually practical for hydrated samples. In 

addition, it is difficult to maintain the amount of glue to prevent water leakage across the edges 

of the sample while not blocking effective pores of the sample. It is worth mentioning that the 

measurement of permeability in other fields such as soil mechanics, composites and textiles has 
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an impressive literature (e.g., see [22]) which could be instructive for development of new 

systems for biomaterials characterization.   

The main limitation of the present set-up is that with provided 20 kPa pressure head, it is 

difficult to measure the permeability of scaffolds with values less than order of 10-16-m2 due to 

very slow flow rate and long required time for passing a detectable amount of water without 

evaporation. Indeed increasing pressure head is possible, however, in high pressure 

measurements we should take into account the effect of fluid induced strain inside the scaffold 

[8, 9].  

Characterization of strain dependent permeability of tissue engineering scaffolds is critical in 

load-bearing applications due to its considerable effect on solutes transport, oxygen tension, 

fluid pressure and velocity fields as well as scaffolds viscoelastic behavior. All of these 

biophysical factors may influence cellular differentiation and therefore neo-tissue formation. In 

our experiments, we identified remarkable differences in permeability trend between scaffolds 

presenting different averages in pore size. This observation suggests that relying on expressions 

for permeability as a function of compressive strain such as exponential function proposed for 

cartilage may not be good enough predictive for all types of tissue engineering scaffolds. Direct 

experimental characterization should be preferred.  
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Corresponding supplementary data can be found at the end of this chapter. 
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Supplemental data for Chapter 2 

Morphological characterization of scaffolds in hydrated state 

Dried state µCT scan of tissue engineering scaffolds is a more straightforward method for 

morphological characterization provided that we could verify the minimal structural 

differences between hydrated and dried scaffolds. Normal drying of the hydrated scaffolds 

either at room temperature or inside an oven may cause significant shrinkage of the scaffolds. 

By optimal freeze-drying procedure, however, we can keep this change as minimal as possible. 

For this purpose, the hydrated scaffold was put inside a 2 ml Eppendorf tube and carefully 

frozen in liquid nitrogen while avoiding direct contact of scaffold and nitrogen. Then the frozen 

samples were vacuumed dried for 72 hours and scanned afterwards (Figure S1) for 

morphological characterization in dried state. The measurement parameters were set as 40 kV 

for voltage, 100 mA for current, 18 mm for spatial resolution, 400 mS for exposure time and 

0.42o for rotation steps without using any filter. 

By measuring the bulk geometry of the scaffolds in hydrated as well as in dried states, we could 

estimate the pores volumetric expansion (PVE). We then estimated the corresponding average 

pore size change as cubic root of PVE (√ ). The calculation showed that PVE is always 

less than 1.2 for our freeze dried scaffolds, leading to pore size change of 1.06 as reported in 

Table 1. This estimation method has recently been reported for collagen based scaffolds 

elsewhere in which they also confirmed it by direct µCT measurements in hydrated state [1]. 

	 	

Figure S1. Micro-CT scans of freeze-dried scaffolds from different views (Disks diameter ~ 7 mm). (a) 4%Cr-

Fine pores. (b) 8%Cr-Coarse pores. 

(a) (b) 
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Table S1. Pore size change estimation using bulk geometry of the scaffold in hydrated and freeze-dried states. 

Scaffold type 4%Cr-Fine  6%Cr-Medium  8%Cr-Coarse  

Pores volumetric expansion [PVE] - (m3)  1.16±0.03 1.15±0.02 1.18±0.02 

Expansion ratio [√ ] - (m) R=1.05 R=1.045 R=1.06 

Average pore size of the dried scaffold - (µm) 155 188 255 

Estimated Avg. pore size of hydrated scaffolds - (µm) 162 196 271 

To further evaluate this problematic issue, we also performed an Environmental Scanning 

Electron Microscopy (ESEM) assessment for hydrated samples as illustrated in Figure S2 using 

Philips XL30 ESEM-FEG. The pressure and temperature in environmental chamber of the 

ESEM were adjusted to reduce humidity of the sample. The geometry of representative pores 

was measured by imageJ software and compared in different humidity conditions.  There was 

no significant difference when we reduced the humidity from 100% to 20%. It was not possible 

to conduct the test in less humid condition anymore, since the sample was moved (due to 

reducing pressure inside the chamber to dry the sample) and we could not track the target pores 

for comparison of the geometry. These results confirm the minimal morphological differences 

of hydrated and freeze-dried scaffolds.  

	 	
Figure S2. ESEM of a macroporous scaffold at different humidity conditions. (a) 100% humidity. (b) 20% 

humidity. 

Rate dependent stress relaxation 

Unconfined stress relaxation tests were performed on hydrated scaffolds at either 5 µm/s or 50 

µm/s speed of plunger for 20% compressive strain with E3000 Instron testing machine. 

Modified Maxwellian model as Eq. S1 was used [2] to analyze the relaxation behavior of fine 

and coarse pore size scaffolds.  

/  (S1) 

(a) (b) 
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where,  is the equilibrium stress after infinite time and  /  represents transient decaying 

stress with time. We utilized Matlab curve fitting tool to estimate parameters of the model that 

best predicted measured data. The initial decay rate of stress ratio [2] can be calculated as: 

1
| 	 (S2) 

In addition we determined the time ( %) required for the sample to relax 90% of transient 

stress ( %) as defined by eq. (S3): 

% 0.9  (S3) 

The obtained results from the stress relaxation tests, demonstrated completely different 

viscoelastic behavior between 4%Cr with fine pore sizes and 8%Cr scaffolds having coarse 

pore sizes at two rates of compression. The  was significantly higher for 50 µm/s loading 

rate than 5 µm/s in corresponding groups. Scaffolds with 4%Cr and fine pore size indicated 

smaller  than 8%Cr scaffolds with coarse pore size. The initial decay rate of stress ratio 

and relaxation times %  were significantly different between fine and coarse pore size 

scaffolds at two rates of compression. Results of stress relaxation experiments revealed a longer 

% for scaffolds with 4%Cr and fine pore sizes than 8%Cr scaffolds having coarse pore size 

either at 50 µm/s or 5 µm/s compression rates. Accordingly, the higher initial decay rate was 

not surprising for 8%Cr scaffolds with coarse pore size compared to lower initial decay rate of 

scaffolds with 4%Cr having fine pores. Specifically, faster loading rate resulted in higher initial 

decay rate as well as shorter time for transient stress relaxation.  

Generally, a variety of factors such as base material composition, crosslinking type, porosity 

and pore size of the polymeric scaffolds are contributing to the viscoelastic behavior. The 

concentration of crosslinker was the dominant contributing factor to  or generally 

stiffness of the developed scaffolds while the role of average pore size and permeability were 

less significant. In fact, increasing crosslinking density leads to a stronger polymer network 

with higher stiffness. It is worth mentioning that, in the same material composition,  

would be higher in scaffolds having lower permeability due to greater fluid pressurization 

inside pores. On the other hand, both average pore size and crosslinking density appear to play 

a role in relaxation behavior of the scaffolds. The release of compression-induced fluid pressure 

during decaying phase is easier in coarse pore size scaffolds with higher permeability resulting 
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in faster decay rate and shorter relaxation time. In addition, the complex interaction of 

entangled chains of polymer network is reported to be an important mechanism for stress 

relaxation in covalently crosslinked structures [3, 4]. 

Table S2. Results of rate dependent stress relaxation experiments. 

Test Config. Peak stress 
( ) - kPa 

relaxation time 
( %) - s 

Initial relaxation 
decay rate ( ) - kPa/s 

8%Cr-Coarse pore at 5 µm/s 382±42 341±45.5 -0.038±0.004 

8%Cr-Coarse pore at 50 µm/s 521±54 140±5 -0.250±0.014 

4%Cr-Fine pore at 5 µm/s 200±5 581.5±76 -0.016±0.003 

4%Cr-Fine pore at 50 µm/s 249.5±12 232±58 -0.169±0.040 

Statistical analysis * + ^ # * + ^ # * + ^ # 

*: t-test comparison between 8%Cr-Coarse pores and 4%Cr-Fine pores at 5 µm/s. 
+: t-test comparison between 8%Cr-Coarse pores and 4%Cr-Fine pores at 50 µm/s. 
^: Paired t-test comparison between 5 µm/s and 50 µm/s loading rate for 8%Cr-Coarse pores scaffolds. 
#: Paired t-test comparison between 5 µm/s and 50 µm/s loading rate for 4%Cr-Fine pores scaffolds. 

 

Supplemental Reference: 
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 Development of an Effective Cell Seeding Technique: 

Simulation, Implementation and Analysis of Contributing 

Factors† 

3-1 Abstract 

Cell seeding in a biomaterial is an important process for tissue engineering applications. It 

helps to modulate tissue formation or to control initial conditions for mechanobiological 

studies. The compression release-induced suction (CRIS) seeding technique leads to active 

infiltration of the cell suspension toward the central region of the scaffold. Its effectiveness, 

however, may significantly vary depending on several controlling factors such as the rate of 

loading and unloading or scaffold architecture. We utilized a 2D axisymmetric finite element 

model to numerically evaluate the influence of a seeding loading regime on suction pressure 

and infiltration velocity of the cell suspension. The in vitro application of optimized CRIS 

seeding obtained from simulation showed significant effectiveness over a static seeding 

method. As simulation results predicted, the permeability of the scaffold directly influenced 

CRIS seeding effectiveness in vitro. By supplementing an optimized CRIS loading regime 

with slow rotation after seeding treatment, cell distribution through thickness was improved 

especially for scaffolds showing low permeability. Finally, we systematically analyzed the 

relative importance of permeability, thickness or coating on cell seeding efficiency and 

uniformity using a full factorial design of experiments. We observed that permeability has a 

higher impact on the CRIS seeding than scaffold coating and thickness. 

Keywords: Cell seeding, active infiltration, scaffold, permeability, coating, after seeding 

treatment.  

                                                 

† This Chapter has been published in Tissue Engineering Part C: Methods (Volume 23, Number 8, 2017) 
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3-2 Introduction 

Cell seeding in a biomaterial is an important process for tissue engineering (TE) applications 

that can help to control and modulate tissue formation [1]. Intuitively, seeding of cells within 

a 3D biomaterial may seem to be straightforward due to the available void volume inside a 

highly porous and permeable scaffold. However, this is not the case for a thick scaffold 

presenting low permeability, being tortuous and having hydrophobic properties [2-4]. An 

efficient and uniform distribution of cells is essential to obtain a normalized initial condition 

either for in vitro experiments such as mechanobiological studies or for clinical applications. 

A homogeneous artificial tissue should be formed initially since there is no chance to modify 

cell distribution and density following an ineffective cell seeding [3]. 

Several static or dynamic methods have been developed for cell seeding. For the static method, 

the most used technique is based on surface pipetting and depends mainly on gravity for 

infiltration of cells inside tortuous pores of the scaffold [5]. For the dynamic seeding method, 

an external force is applied to facilitate the cell penetration toward the center of the scaffold 

[6]. Flow perfusion [2, 7], centrifugation [8, 9], orbital shaking [6, 10] and the spinner flask 

[2, 10] are the most utilized techniques in  dynamic cell seeding methods. These studies have 

shown that active motions of solution containing cells can improve cells distribution inside 

the scaffold in comparison to static methods.  

Among different dynamic seeding methods, the compression release-induced suction (CRIS) 

has been reported as a promising approach for cartilage TE [11]. Since most of the bioreactors 

in cartilage biotechnology are based on compression loading regime [12], the CRIS could be 

easily adapted from existing setups. By applying a compression followed by an unloading to 

a porous scaffold, the solution around the scaffold containing cells is infiltrated toward the 

central region of the scaffold. However, even for this mechanism of induced driving force, the 

seeding outcome may significantly vary depending on parameters such as the rate of loading 

and unloading, the scaffold’s permeability, or the cell-scaffold interface. In a systematic 

approach, the cell seeding efficiency and uniformity should be evaluated for the contributing 

factors in their pertinent range. This can be accomplished by determining the role of scaffold 

related characteristics on seeding process while controlling cell infiltration force dynamics.  

In this study, we first simulated CRIS by a 2D axisymmetric poroelastic finite element model. 

A what-if analysis was performed to find best parameters of the CRIS seeding loading regime 
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to induce optimum medium infiltration. Cell seeding was then experimentally implemented 

according to the best loading regimes obtained from numerical calculations. To enhance cell 

distribution in the scaffold, we further evaluated the effect of an after seeding treatment during 

re-swelling time. Finally, to obtain a more profound insight on the proposed seeding process, 

the relative contribution of the scaffold’s permeability, thickness and coating were evaluated 

using a full factorial design of experiments.  

3-3 Materials and Methods 

3-3-1 Scaffold fabrication and preparation 

Macroporous scaffolds of poly 2-hydroxyethyl methacrylate (pHEMA) crosslinked with 

ethylene glycol dimethacrylate (EGDMA) were prepared by a salt leaching method as 

described elsewhere [13, 14]. Briefly, we utilized fixed 35/65% polymer to salt volumetric 

ratio with 4% and 8% crosslinking density (Cr) for fine (200-250 µm) and coarse (355-500 

µm) salt particles, respectively. The hydrated scaffolds were sized with an 8 mm diameter 

punch and a custom made cutting tool covering 1.7 to 3.1 mm thickness ranges. The scaffolds 

were imaged by scanning electron microscopy (SEM) before and after CRIS loading regime. 

For this purpose, the hydrated scaffolds before and after optimized CRIS loading (3 per group) 

were frozen in liquid nitrogen and the frozen samples were vacuum-dried for 72 hrs. The 

samples were then coated with a layer of 30 nm gold and imaged using a XLF30-FEG 

instrument (FEI, Hillsboro, Oregon, USA). 

The characterization process of the scaffolds are reported in detail elsewhere [14], and we 

used the corresponding values for our model development. Briefly, we measured the 

equilibrium Elastic modulus (Eeq) of hydrated scaffolds while applying sequential 

compressive strain, followed by stress relaxation after each step, using the Instron uniaxial 

testing machine (Instron E3000, Norwood, Massachusetts, USA) [15]. For the Poisson ratio 

( ), an evaluation with a digital camera was performed to capture the radial deformation and 

the pictures were processed by ImageJ (NIH, Bethesda, Maryland, USA). A novel custom 

made set-up was designed with step-wise spacer for strain dependent permeability 

characterization of the scaffold based on Darcy’s law. The porosity was directly calculated by 

measuring the volume and mass of the hydrated scaffold as well as its dried state mass.  

Before the seeding process, sterilization was carried out by autoclaving 200 ml bottles of 

phosphate-buffered saline (PBS) containing the scaffolds. Human plasma fibronectin (HPFN) 
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(Sigma Aldrich, St. Louis, Missouri, USA) was used for coating the scaffolds to evaluate the 

cell-scaffold interface effect on seeding efficiency and uniformity. Scaffolds were coated in a 

48 well plate containing 2.2 µl/mm3 of coating solution (25 µg/ml) while mildly agitating (10 

Hz) for 1 hour after 3 manual compressions. Thereafter, they were incubated at 4oC overnight 

and washed 3 times with PBS before using in seeding experiments. Successful adsorption of 

HPFN to the pHEMA scaffolds was previously confirmed by immunohistochemistry as shown 

elsewhere [13]. 

3-3-2 Simulation of compression release-induced suction seeding 

In order to numerically calculate time dependent induced pressure gradient and medium 

infiltration due to compression/decompression of the scaffold, we developed a poroelastic 

finite element (FE) model based on Biot’s theory [16] using COMSOL Multiphysics software 

(Burlington, MA, USA). After the mesh convergence study, a what-if analysis was performed 

on parameters of seeding loading regime in different case studies to understand the influence 

of loading/unloading rates, delay time and compressive strain on the induced suction pressure 

and velocity fields inside the scaffold.  

In the model, the 2D axisymmetric cross section of cylindrical scaffold having 3 mm thickness 

and 4 mm radius was divided to finite elements as illustrated in Figure 1-a. We assumed 

isotropic mechanical behavior for the two types of scaffold. Corresponding measured values 

given in Table 1 were utilized for each scaffold model, while considering Biot–Willis 

Coefficient of 1 for both scaffolds. The strain dependent permeability (kε) of the scaffold was 

implemented in the model using a curve-fitted expression to the measured data up to 35% 

strain. Additionally, the porosity ( ) was also assumed to be strain dependent as 1

, in which  is the initial porosity and λ 1  represents the stretch ratio [17].  

To simulate the seeding working mechanism, a prescribed displacement according to the 

loading regime scheme (Figure 1-b) was applied on the top boundary of the model. The 

loading regime expressed by a combination of two smoothed falling and rising ramp functions 

having parametric starting points and ramp rates. A zero pressure (pf = 0) boundary condition 

was assigned on the outer edge (r = 4 mm) of the axisymmetric model during the time of the 

simulation to allow exchange of the fluid phase. A time dependent boundary condition for the 

pressure of the top part (z = 3 mm) was assigned by using a smoothed step function to reflect 

the effect of plunger separation at the end of the unloading step allowing fluid infiltration from 
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the top boundary. The frictionless impermeable roller boundary condition was applied for the 

bottom boundary (z = 0) of the model.  

	
Figure 1. Modeling of CRIS loading regime. (a) 2D axisymmetric geometry of the cylindrical scaffold. (b) 
Scheme of prescribed displacement for CRIS loading regime. 

Table 1. Measured material properties of the scaffolds used in the FE model (mean ± standard deviation).  

Scaffold type Eeq (Mpa) ν  (%)  (m2)  

4% Cr - Fine P.  0.76 ±0.06 0.25±0.2 68 ±2 1.34E-14 ±9.59E-15 .  

8% Cr - Coarse P. 1.2 ±0.15 0.23±0.4 63 ±3 1.35E-12 ±5.84E-13 8.0 1.2  

Cr: crosslinking density. P.: Pores 

 

3-3-3 Cell culture 

Human epiphyseal chondro-progenitors cells were prepared as described elsewhere [18] and 

distributed in standard polystyrene tissue culture flasks (75 cm2) for monolayer expansion. 

Cell Culture Medium (CCM) was made from Dulbecco’s Modified Eagle Medium with L-

Glutamine, 4,5 g/l D-Glucose and Sodium pyruvate, (Life Technologies, Paisley, UK) 

supplemented with 10% fetal bovine serum (Sigma, St. Louis, MO, USA) and 1% L-

Glutamine (Life Technologies, Paisley, UK). Culture flasks containing cells were incubated 

in standard conditions (at 37 °C with 5% CO2) and the CCM was changed twice a week in 

monolayer culture period.  Following 90% confluence, cells were trypsinized for passage (up 

to passage 7) or usage in seeding experiments.  

3-3-4 Cell seeding implementation and after seeding treatment 

In vitro CRIS cell seeding was performed using a custom-made set-up compatible with a 

uniaxial testing machine (Instron E3000) as shown in Figure 2-a. The scaffolds were placed 

in cylinders of 11 mm diameter and 10 mm height. Then 2.6 µl/mm3 of cell suspension (5×106 

cells/ml) were pipetted onto the scaffolds inside the cylinders. Each cylinder was covered with 



 

 
46 

a cap equipped with a piston to ensure sterile conditions under the loading machine (Figure 2-

b). The scaffolds were subjected to predefined seeding loading regime obtained from the 

simulation and lasting for 5 cycles. Control static seeding was also conducted by means of 

surface pipetting on preconditioned scaffolds (after 24 hours recovery). 

	
Figure 2. Cell seeding method. (a) Compression release-induced suction cell seeding implementation using a 
custom-made setup. (b) Schematic of a seeding chamber in detail. (c) Slow rotation after seeding treatment. 

We supplemented CRIS technique by a dynamic after seeding treatment (AST) and compared 

it with a static condition. Following CRIS seeding, we used a dynamic slow rotation AST [19] 

by employing the rotating plate of a peristaltic pump (Pump P-1, Pharmacia Biotech Inc., NJ, 

USA). For this purpose, seeded scaffolds were located in the middle of the 1.5 ml Eppendorf 

tubes and remaining cells suspension in the seeding cylinder was pipetted on the top surface 

of the scaffold inside the Eppendorf tube. Next, the Eppendorf tubes were rotated (10 rpm) 

inside a standard incubator (Figure 2-c) for 2 periods, each lasting one hour. Between two 

periods of rotation, suspended scaffolds inside Eppendorf tubes were inverted. After this step, 

cell inoculated scaffolds were transferred to 48 well plates without CCM and incubated for 45 

minutes to ensure cell attachment. Then, 1 ml fresh CCM was added to each well and seeded 

scaffolds were evaluated after overnight incubation. 

3-3-5 Experimental design to identify contributing factors to cell seeding 

In order to evaluate the relative importance of scaffold permeability, coating and thickness in 

cell seeding efficiency and distribution, a systematic experimental design was carried out. The 

range of studied factors was selected in such a way to cover an anticipated application for 

functional tissue engineering. We performed a full factorial design (FFD) with 8 experiments 

(each triplicate) for this analysis as described in detail elsewhere [20]. Briefly, the linear model 

with interaction according to Eq. 1 was chosen to fit the experimental observations.  
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	 1 	

where  is the vector of experimental response in different configurations,  is the error 

between observations and model predictions, xi is an examined factor, a0 is a constant effect 

(grand mean), ai are the main half effects corresponding to factors xi, aij are the first order 

interaction half effects corresponding to factors xi and xj and so on. Using the least square 

technique, the main effects and interactions are estimated in such a way that the error between 

the model prediction and the experimental value is minimized. The percentage of the ai/a0 and 

aij/a0 are calculated afterwards presenting the relative role of the main half effects and 

interactions.  

 

3-3-6 Cell seeding assessment 

We measured cell seeding efficiency (CSE) and distribution metric (DM) to evaluate the 

seeding technique. The CSE is defined as the percentage of cells attached to the scaffold versus 

the initial number of cells used for the seeding[2, 11]. The attached number of cells was 

determined by counting the number of remaining cells from the medium outside the scaffold 

and subtracting that value to the initial cell number used for seeding. To determine the DM, 

seeded scaffolds were cut in half; one half was used for the quantitative and one for the 

qualitative distribution measurements (Figure 3). For the quantitative cell distribution 

evaluation, 3D CellTiter Glo assay (Promega Corporation, Madison, USA) was used 

according to manufacturer’s instructions. Briefly, a 5 mm punch was used to separate the core 

from the periphery and assay results in each section were recorded using a Wallac 1420 

VICTOR 2 multi-label plate reader (Wallac Oy, Turku, Finland). The relative distribution of 

cells in the central to the periphery sections was defined as the ratio of normalized values by 

weight of sections for each scaffold (Maximum value 1).  
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Figure 3. Schematic procedure of distribution metric (DM) evaluation. 

For the qualitative cell distribution evaluation, the second half of the seeded scaffold was 

labelled with MTT cell proliferation reagent (Roche Corporation, Indianapolis, USA) to 

observe the cell distribution visually. After staining according to the manufacturer’s 

instructions, three images were captured from each scaffold from top surface, bottom surface 

and perpendicular cross section of the scaffold using a Stereomicroscope (LEICA MZ 16 

1FA). The cross section image was manually image processed using ImageJ (NIH, Bethesda, 

Maryland, USA) software for cells penetration. For this purpose, the cross section of the 

scaffold was gridded to 10 x 6 partitions with predefined scores as depicted in Fig. 3.  The 

penetration score was calculated over the whole grid for each seeded scaffold and divided by 

100, which provides the score of an ideal case. The qualitative penetration score was then 

multiplied by the obtained value for the 3D CellTiter Glo assay as the weighting coefficient 

to result in the distribution metric (DM).  

We also performed live/dead staining of cell-seeded scaffolds with R37601 sensitive two-

color fluorescence cell imaging kit (Molecular Probes, USA) to assess cell viability. For this 

purpose, after staining the samples with mixed live and dead dyes (as provided in the kit 

diluted 2x with PBS) for 20 min at 25°C, the samples were washed three times with PBS. 

Thereafter, green (live) and red (dead) florescence images were taken at wavelengths adjusted 
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for fluorophores of interest by confocal microscopy (LEICA TCS SP8) with a 20x objective 

and analyzed with ImageJ. 

3-3-7 Statistical analysis 

Student t-test was used to compare DM values between static seeding and optimized CRIS 

seeding followed either by static or dynamic after seeding treatments (n=3). Significant factors 

for DM and CSE values in FFD were identified by a half normal probability plot to distinguish 

standing out effects which cannot be due to experimental variation [21]. Moreover, analysis 

of variance (ANOVA, F-test) was performed with P-value of 0.05 to determine significant 

half-effects and interactions.  

 

3-4 Results 

3-4-1 Scaffold morphology before and after CRIS loading  

SEM was employed to compare the scaffold morphology before and after CRIS loading 

regime. As illustrated in Figure 4, there is no significant difference in pore size and pores 

orientation for the two types of scaffolds before (left column images) and after CRIS loading 

(right column images). The pore size distributions were between 120-240 µm for 4%Cr 

density and fine pore scaffolds and 220-400 µm for 8%Cr density and coarse pore scaffolds. 

Yet, in higher magnification images, we could observe a few more micro-fissures inside the 

pores after loading that can slightly increase pores fenestration of scaffolds. Since the applied 

strain is below plastic deformation limit, the scaffolds exhibit shape recovery after unloading. 

However, even if we could not see significant morphological changes, the macromolecular 

network of the polymeric scaffold can potentially experience deformation-induced bonds 

rupture [22], rearrangement and disentanglement [23] according to “Mulins effect” [24] 

following CRIS loading. 
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Figure 4. Scanning electron microscopy images before (left column) and after (right column) optimized CRIS 
loading. (a-d) 4%Cr-Fine pore sizes scaffold. (e-f) 8%Cr-Coarse pore sizes scaffolds. 

3-4-2 Simulated CRIS seeding loading regime 

We derived the average suction pressure and the infiltration velocity of the 2D axisymmetric 

surface over the simulation time and compared their maximum values in a number of case 

studies. Derived values for some cases are reported in Table 2 to elaborate the conducted what-

if analysis. For better illustration of the induced suction pressure and velocity fields, the 

rainbow and arrow surface plots are combined and shown in Fig. 5 at the middle and end of 

unloading step for the third case study. As can be seen, the medium infiltration is dominant at 
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the outer edges of the cylindrical scaffold for both types of scaffold. Obviously, the medium 

infiltration is considerably shallower for fine pore size scaffold with low permeability.  

	

Table 2. Seeding loading parameters used in simulations for reported case studies and corresponding derived 
values for maximum suction pressure (Pf) and Darcy’s velocity (Ud) inside two types of scaffold.  

C
as

e Loading 
rate (mm/s) 

UnL. rate 
(mm/s) 

Delay 
time (s) 

Strain 
(%) 

4Cr-Fine pores model 8Cr-Coarse pores model 

Pf (pa) Ud (mm/s) Pf (pa) Ud (mm/s) 

1 5 10 3 35 -10975 2.01E-01 -23023 2.14 

2 5 10 0.3 35 -6834.2 1.48E-01 -23738 2.07 

3* 0.05 10 3 35 -54228 5.56E-01 -24647 2.53 

4 0.05 10 0.3 35 -51431 5.28E-01 -24784 2.14 

5 0.05 10 3 30 -51551 5.34E-01 -16288 1.91 

6 0.05 10 3 20 -41162 4.22E-01 -7180.2 1.67 

7 5 1 3 35 -13585 1.23E-01 -7884.8 1.48E-01 

8 5 1 0.3 35 -8316.8 8.57E-02 -7681 1.51E-01 

9 0.05 1 3 35 -41722 2.93E-01 -7708.2 1.33E-01 

10 0.05 1 0.3 35 -39892 2.81E-01 -7536.3 1.29E-01 

* Case 3 (bold) resulted in the best suction pressure and infiltration velocity, irrespective of scaffold type. 

 

As anticipated, our simulation showed that faster unloading and larger strain enhanced 

medium suction into the scaffold. This can be verified for the role of unloading rate by 

comparing induced suction pressure and medium infiltration velocity in cases 1-6 and 7-10 

for two types of scaffold with different mechanical and morphological characteristics. 

Likewise, the improving effect of higher compressive strain can be seen from cases 3, 5, and 

6. Interestingly, while the rate of loading was not as important parameter for the permeable 

scaffold, they were important for scaffold showing lower permeability. Derived results from 

cases 1, 2 and 3, 4 revealed the significance of slow loading rate on improved infiltration 

velocity and suction pressure. Likewise, longer delay time leads to more effective medium 

suction for fine pore size scaffolds depending on loading/unloading rates. This can be clearly 

highlighted when comparing cases 1 and 2 or 7 and 8.  The shorter the times for loading and 

unloading, the more pronounced is the role of time delay.  

According to the CRIS simulation results, case 3 (bold) has the best seeding loading 

parameters, irrespective of scaffold type. This CRIS seeding would follow a slow compression 

loading of 0.05 mm/s until 35% strain. Then, after a 3 sec delay time, an abrupt unloading of 
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10 mm/s causes infiltration of the CCM containing cells into the instantaneously developed 

empty pores.  

	
Figure 5. Graphical illustration of suction pressure (color map) and velocity fields (arrows) during unloading 
step for the third case study. (a-b) Permeable scaffolds. (c-d) Scaffolds having low permeability. 

3-4-3 Cell seeding and post-seeding treatments 

We implemented experimental cell seeding by choosing the optimized seeding regime given 

by the third (numerical) case, and lasting for 5 cycles followed by a 20 second resting period 

after each repetition. The considered resting time gives enough pause for passing a transient 

condition before starting a new cycle. Control static surface pipetting for cell seeding was also 

carried out on preconditioned scaffolds having the same loading history. We utilized HPFN 

coated scaffolds having 2.5 mm thickness and 8 mm diameter for comparison of different 

seeding strategies. Distribution of MTT stained cells are representatively shown in Figure 6 

for two types of scaffold and extracted results are displayed in Figure 7. 



 

 
53 

	
Figure 6. MTT-stained cells showing distribution of cells for different seeding strategies (first row: top surface, 
second row: cross section for static seeding, third row: CRIS + static incubation, last row: CRIS with slow 
rotation AST. Scale bar: 1 mm).  (a, c, e & g) The labeled cells inside 4%Cr-Fine pore size scaffolds. (b, d, f & 
h) The labeled cells inside 8%Cr-Coarse pore size scaffolds.  

Despite a fairly uniform distribution on the top surface for all cases, we observed quite 

different patterns through cross sections of the scaffolds. It is clear that without CRIS loading 

regime, very poor cell penetration can be achieved irrespective of scaffold type. There is a 

significant difference for distribution metric between static surface pipetting and CRIS 

seeding methods. As simulation results predicted, the permeability of the scaffold directly 

influenced CRIS seeding effectiveness. A more permeable scaffold provides a higher cell 

distribution metric. Additionally, while slow rotation AST slightly improved cells distribution 

for permeable scaffolds, its overall influence on cells penetration was significant for scaffolds 

showing low permeability. Moreover, live/dead staining of cell-scaffold constructs revealed 

very good cell survival after the proposed seeding process. Figure 8, illustrates strong signal 
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from abundant live cells (Green stain) inside two types of scaffold after seeding, while 

showing only a few dead cells (Red stain). 

	
Figure 7. Comparison of distribution metric for different seeding strategies. Asterisk symbol (*) shows 
significant difference (Student t-test, p<0.05). 

 

	

Figure 8. Live/dead staining of human epiphyseal chondro-progenitor cells after cell seeding. (a) 8%Cr-Coarse 
pore size scaffold. (b) 4%Cr-Fine pore size scaffold. Green color shows distribution of live cells inside pores and 
red color is the stain for dead cells indicated by arrows. 

3-4-4 Systematic analysis of main effects on seeding results 

To identify the relative importance of contributing factors to seeding results, we used 8 mm 

diameter scaffolds having 1.7 or 3.1 mm thickness, high (k0=O(10-12)) or low (k0=O(10-14)) 

permeability and with fibronectin coating (25 µg/ml) or no coating conditions. In order to 

standardize each factor state for the sake of computation [20], -1 code was used for low 

permeability, no coating condition and 1.7 mm thickness states, while high permeability, 
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HPFN coating and 3.1 mm thickness states were coded as +1. The coded experimental 

configurations and obtained responses for CSE and DM (mean and standard deviation) are 

reported in Table 3. Due to the augmentation effect of dynamic after-seeding treatment, all 

experiments of this phase were accomplished by applying the slow rotation AST. 

The results of analysis of the main effects and interactions for cell seeding efficiency and 

distribution metric are highlighted in Figure 9. It is clear that relative importance of 

permeability (a1) is higher than coating (a2) and thickness (a3) for both responses. By looking 

at the extracted results, we can observe that CSE and DM responses are higher for permeable 

scaffolds. Our results have shown that HPFN coating improved CSE, which is a result of better 

cell attachment, while thickness had a negative effect on cell seeding efficiency. Given the 

half normal probability plot, it can be observed that scaffold permeability, coating, and 

thickness were influential on CSE response, while just scaffold permeability affects the DM. 

All interactions were neither important for cell seeding efficiency nor for the DM response. 

Analysis of variance also confirmed the half normal plot since all graphically determined 

contributing factors were significant (p<0.05).  

Table 3. Matrix of experiment for the full factorial design and corresponding responses (mean ± standard 
deviation).  

 Matrix of Exp. Response - y (%) 

Run k c t DM CSE 

1 -1 -1 -1 65±5 61±5 

2 -1 -1 1 79±6 58±4 

3 -1 1 -1 76±7 71±6 

4 -1 1 1 70±6 66±4 

5 1 -1 -1 80±1 76±7 

6 1 -1 1 81±4 68±5 

7 1 1 -1 87±6 84±4 

8 1 1 1 89±4 76±6 

Eight experimental configurations are shown by 
coded values for permeability (k), coating (c), 
and thickness (t) columns. 
CSE: cell seeding efficiency. 
DM: distribution metric. 
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Figure 9. Relative half effects (up) and corresponding half normal probability (bottom) plots for permeability 
(a1), coating (a2) and thickness (a3) factors. (a, c) Extracted results for cell seeding efficiency. (b, d) Extracted 
results for distribution metric. Asterisk symbol (*) stands for the significant factors. Significant half-effects are 
away from straight line covering normally distributed half-effect which could be due to normal experimental 
variation. 

3-5 Discussion 

Preparation of a cells-3D support construct is one of the most challenging issues in functional 

tissue engineering taking into consideration the demanding physiological constraints which 

govern scaffold design. Indeed, strictly controlled structural and mass transport properties are 

required for load bearing after transplantation, maintaining cells retention, viability and 

differentiation [4, 25, 26]. Accordingly, two types of scaffolds having different mechanical 

and morphological characteristics were employed [14] as models for evaluating the influential 

parameters for cell seeding. A compression release induced suction technique was used for 

cell seeding inside these pre-formed scaffolds. 

A what-if analysis was performed on parameters of seeding regime by numerical simulation 

of compression-induced suction in different case studies. We observed that fast unloading and 

large strain considerably enhanced medium suction toward the center of the scaffold for both 

types of scaffolds. On the other hand, the influence of slow loading and delay time between 
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loading and unloading steps were just significant for scaffolds showing low permeability. 

These numerical results could be explained by the fact that permeability of a scaffold 

determines the ease of fluid flow inside the pores. During loading steps, fluid pressurization 

phenomenon occurs due to the resistance of the scaffold porous structure to the fluid seepage. 

For scaffolds with low permeability, release of this internal hydrostatic pressure can take 

longer time compared to permeable scaffolds [14]. Therefore, by decreasing the loading rate 

or increasing the delay time, fluid pressure would have more time to be relaxed before the 

unloading step. Otherwise, when the unloading step is begun, in the core region, the fluid flow 

is still capable of reaching outside in contrast to inward velocity field at the edge of the 

scaffold. This is clearly observable for rapid loading and short delay time in Figure 10 for 

scaffolds with low permeability (Figure 10-c, d). In permeable scaffolds, on the contrary, 

induced velocity field is unidirectional toward the central region during the unloading step 

regardless of rapid loading rate and short delay time (Figure 10-a, b). 

Additionally, from the numerical results obtained, it can be observed that permeability directly 

affects the suction pressure and infiltration velocity for the two types of scaffolds. For 

example, under slow loading and rapid unloading rate conditions, the maximum induced 

suction pressure is twice as high in scaffolds with lower permeability. On the other hand, as 

permeable scaffolds would show less resistance to fluid flow through the pores, even with 

lower suction pressure in this condition, infiltration velocity is more than four times faster 

than scaffolds having low permeability. 

Xie et al. [11], applied  compression up to 50% with the same loading and unloading rate of 

5 mm/s. According to our simulation, this loading regime could be optimum for highly 

permeable and soft scaffolds. We showed that for scaffolds with low permeability, rapid 

loading rates in CRIS seeding technique should be avoided to have optimized medium suction. 

Moreover, a rapid loading rate leads to higher peak stress compared to a slow loading rate and 

this might result in damage to the scaffolds [14, 27]. We should also notice that the 

microstructure of the stiff scaffolds could be destroyed by increasing a compressive strain up 

to 50%. In our case, the plastic deformation of the highly crosslinked scaffolds (8% 

crosslinking density and coarse pores) were measured to be around 35%. Yet, our soft 

scaffolds with low permeability (4% crosslinker and fine pores) showed elastic deformation 

up to 40%.  
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Figure 10. Graphical illustration of suction pressure (color map) and velocity fields (arrows) during unloading 
step for the fast loading/unloading with short delay time. (a-b) Permeable scaffolds.  (c-d) Scaffolds having low 
permeability. 

Performed experimental cell seeding according to the optimal loading regime obtained from 

the simulation showed significant improvement on cell penetration compared to static surface 

pipetting. We also observed an enhancing role of slow rotation AST (dynamic incubation) 

after optimized CRIS loading regime, especially for scaffolds showing low permeability. We 

could explain the AST working mechanism by the hypothesis that the cell penetration in the 

scaffold is due to the active fluid movement inside the tortuous pores of the scaffold during 

the re-swelling period. Apparently, after several loading-unloading steps, the hydrated 

scaffolds had some loss of fluid inside the pores. Therefore, by providing dynamic movement 

of cell suspension around the scaffold after initial shallow suction, there can be an active 

movement of cells deep inside the scaffold compared to static incubation.  

We have shown high cell viability for the optimized CRIS seeding followed by slow rotation 

AST. Obviously, the rate of loading and the amount of strain are important factors on 
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transmitted stress on cells and therefore overall cells viability. The unloading rate should not 

be important on cells viability since we are releasing the maximal applied stress on cells during 

unloading. The peak stress in optimum loading regime was always less than 1.5 MPa which 

is the physiological stress in native cartilage during walking [28]. Likewise, 35% strain is not 

exceeding the reported physiologic magnitude of dynamic strains following activity (ranging 

between 15–35%) [29]. Thus, the proposed optimum loading regime is not in a non-

physiologic level and would not transfer damaging forces to cells. Generally, applying an 

external force in dynamic seeding techniques will improve cell distribution, however the 

nature of this dynamic force (e.g., harsh centrifugation [9]) might reduce cells viability. 

Evidently, the proposed CRIS with slow rotation AST, as applied dynamic force does not 

affect cell viability but it did enhance cell distribution within the scaffolds. 

Our systematic experimental design indicated that the scaffold permeability (a1) is the most 

significant factor for both cell seeding efficiency and distribution compared to coating (a2) 

and thickness (a3). Conventionally, porosity, average pore size and distribution of pore size 

are used as primary characteristic parameters of tissue engineering scaffolds, while 

interconnectivity, fenestration size, fenestration distribution, and orientation of pores are used 

as secondary indicative parameters of a porous structure.  The difficulty of characterizing 

some of these parameters is the reason why it is difficult to find all of them in publications 

[30]. In practice, permeability is an overarching mechanical parameter encompassing the 

effects of all mentioned morphological features. Therefore, permeability as a robust 

quantitative determinant has been suggested for evaluating porous structures [30, 31]. 

Accordingly, we selected permeability to study influence of morphological characteristics of 

the scaffold (e.g., pore size, interconnectivity and porosity) on cell infiltration. 

The considered range  for permeability (O(10-14) < k0 < O(10-12)) was wide enough to reflect 

its role considering the reported values in the literature [31] for functional TE applications. In 

correlation with the study of Melchels et al, [4] our results indicated direct influence of 

permeability on cell seeding efficiency and uniformity. Obviously, the more permeable the 

scaffold is, the easier solute transport is within the structure and accordingly cell infiltration. 

On one hand, the literature has clearly reported the effective role of higher permeability and 

larger pore size on vascularization of scaffolds and bone in-growth in the field of bone tissue 

engineering[32, 33]. On the other hand, it has been shown that cartilaginous matrix synthesis 

by chondrocytes is enhanced inside scaffolds having smaller pore size and lower permeability 
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(mimicking more similarly in vivo cartilage environment) [26, 34]. Taken together, a trade-

off between seeding outcome and chondrogenesis should be considered for cartilage TE when 

designing scaffold permeability, while this not the case for osteogenesis in bone TE. 

While scaffold coating was also contributing to cell seeding efficiency, it has had a minor 

effect on distribution of cells within scaffolds. Different concentrations of fibronectin have 

been used in the literature for coating scaffolds mostly between 10 to 20 µg/ml [13, 35, 36]. 

We used 25 µg/ml to clearly differentiate the coating and no coating conditions. Since 

fibronectin has the RGD (arginine–glycine–aspartic acid) cell recognition sequence, it 

enhances functionality of the scaffolds and cell-scaffold interface interaction [37]. In fact, 

scaffold coating with fibronectin modulates binding sites for cell attachment, therefore, it is 

expected to influence the cell seeding efficiency. Interestingly, previous studies also 

demonstrated that fibronectin coated scaffolds facilitate cell proliferation as well as neo-tissue 

formation supporting use of bioactive scaffolds for TE application [35, 38]. 

Increasing scaffold thickness reduced the CSE response, while it had negligible effect on the 

distribution metric. The scaffold thickness range (1.7 and 3.1 mm) used in the present study 

reflected the anticipated application which is for human knee cartilage where the thickness is 

roughly between 2 to 3 mm [39]. Controlling the cell distribution in the scaffold is an 

important aspect for clinical application, where different scaffold thickness might be required 

based on lesion location. Undoubtedly, we can maintain the concentration of cells by initially 

using higher amounts of cells for thicker scaffolds to compensate its negative influence on 

CSE. 

One limitation of the performed numerical study was considering isotropic and homogenous 

mechanical properties for the scaffold. Although this was appropriate to particularly study the 

role of different parameters, one can imagine a numerical analysis of the scaffold mimicking 

the anisotropic poroviscoelastic cartilage having depth-dependent structural heterogeneity. 

Experimentally, we just investigated the influence of slow rotation after-seeding treatments 

during re-swelling time over static incubation. Due to expected enhancing role of dynamic 

conditions such as orbital shaking, one could have compared different dynamic after seeding 

treatments and rank them accordingly. The effect of coating concentration on seeding results 

should also be studied. It could be interesting to find the minimum and maximum coating 

concentration to detect the threshold and saturation point.  
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Improved spatial distribution in dynamic seeding methods compared to poor uniformity of 

static seeding highlights the role of external force to actively control medium infiltration 

during the seeding process. This external driving force was provided in our seeding method 

by optimized CRIS seeding loading regime supplemented with slow rotation AST during re-

swelling time of the scaffold. Permeability, coating and thickness of scaffolds are contributing 

to the seeding outcome regardless of the seeding strategy. However, we have shown that the 

role of permeability is more pronounced than coating and thickness of the scaffolds in the 

CRIS seeding method. In conclusion, this study presents a systematic analysis of scaffold 

mechanical and morphological characteristics, geometry, and surface functionality with 

regards to effectiveness of a seeding strategy. This approach helps to identify the key 

parameters affecting seeding process in cell-scaffold based tissue engineering. In particular, 

controlling cell seeding in scaffolds is important in developing TE products which have to be 

compliant with regulatory aspects necessitating reproducible and consistent procedures.  
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 Hydrogels Preserving Hysteresis for Enhanced 

Mechanical and Mechanobiological Performances 

4-1 Abstract 

Dissipation is a key attribute for defect growth resistance and durability of biomaterials under 

mechanical loading. A new paradigm is also emerging on the role of dissipative phenomena 

in mechanobiology of load-bearing tissues. Therefore, an interesting potential exists to employ 

dissipation for these two different but complementary goals in the development of 

biomaterials. Herein, a novel combination of flow-dependent and flow-independent 

dissipation sources is proposed to enhance both fatigue resistance and mechanobiological 

performance of hydrogels. Given hydrogel as a biphasic material, we supplemented the solid 

network intrinsic dissipation with a fluidic frictional drag dissipation. Accordingly, a dually 

porous yet low permeable pHEMA based hydrogel is developed via hybrid crosslinking 

strategy presenting weak physical and strong covalent bonds. In contrast to widely reported 

tough hydrogels without sufficient load support capability, our proposed design allowed 

development of fatigue-resistant hydrogels presenting a range of compressive stiffness, 

dissipation and water content similar to articular cartilage. Moreover, the preserved 

mechanical hysteresis during cyclic compression positively impacted the mechanobiological 

feature of the hydrogel, as chondrogenesis was favored in these cell-laden hydrogels. The 

competent design of dissipation sources in the development of hydrogels opens therefore new 

possibilities for fine tuning their mechanical behavior and increasing their biological function.   

Keywords: Hydrogel, energy dissipation, fatigue resistance, cartilage, mechanobiology. 
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4-2 Introduction 

The structural similitude of hydrogels with soft tissues as a water-swollen solid network makes 

them promising materials to regenerate damaged tissues. Apart from biological key features, 

a challenging set of mechanical properties including stiffness, resilience, strength, damping, 

toughness, and fatigue resistance would be necessary for hydrogels to withstand demanding 

mechanical loadings [1-4]. In particular, dissipation is a key feature for resisting defect growth 

and durability of biomaterials under mechanical loading. It is well established that damping 

of input energy via mechanical hysteresis in dissipation zone protects the loaded hydrogel by 

shielding the crack tip and thus improves its toughness [5, 6]. A new paradigm is also 

emerging on the role of dissipative phenomena in mechanobiology of load-bearing tissues. 

Indeed, cartilage can dissipate a considerable part of the input energy due to its rich 

viscoelastic nature and this phenomenon corresponds to its physiological function in 

diarthrodial joints [7-9]. Interestingly, chondro-progenitor cells were shown to be sensitive to 

the dissipation level of cell-scaffold constructs following cyclic compression [9]. Likewise, 

viscoelasticity of hydrogels was recently presented as a key feature to regulate cartilage 

formation [10] and osteogenic differentiation [11]. Design of dissipative attributes in the 

development of hydrogels can therefore be a strategic approach to improve mechanical and 

mechanobiological performances.  

The basic mechanical characteristics of a load-bearing biomaterial depend on the required 

physiological stress/strain range of the target tissue. In case of articular cartilage, a tough 

biomaterial with a relatively high stiffness (~1 MPa) and moderate deformability (< 50%) [1, 

12, 13] is required to withstand harsh biomechanical loading in joints [1, 2]. Therefore, a 

combination of high stiffness and dissipative capacity is necessary for corresponding load-

bearing hydrogels. However, a merely stiff and dissipative hydrogel does not necessarily 

present a fatigue resistance performance. There is a supplemental complexity in the 

development of a load-bearing biomaterial as the different sources of dissipation must be 

carefully designed for a robust behavior under fatigue loading. 

The mechanical dissipation is generally considered as a global variable and quantified by the 

area of hysteresis loop when the material is under cyclic loading. Various dissipative 

hydrogels have been developed with different strategies including double network (DN) [14, 

15], hybrid systems [16, 17], block copolymers [18, 19], polyion complexes [3, 20] and 

hydrophobically modified [21-23] hydrogels. They all follow the same idea of dissipating 
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imposed input energy by incorporating different sacrificial elements into the network. 

However, covalent DN hydrogels, for instance, pose a practical shortcoming as one of the 

networks is permanently sacrificed to dissipate energy upon initial loading and the source of 

dissipation is vanished for subsequent cycles of loading. Since hydrogels having a dissipation 

source from destructive processes are not fatigue resistance, reversible dissipation 

mechanisms have been proposed for a robust mechanical performance. In particular, 

sacrificial bonds in physical hydrogels disengage temporarily, and bonds reforming capability 

(partially or fully) is possible over a recovery time [3, 20, 24]. These hydrogels, therefore, 

represent a kind of fatigue resistance behavior following discontinuous loading scheme, but 

not cyclic loading. A major limitation for reversible processes (e.g., ionic bonds) is the 

reassociation time needed to give back the hydrogel its initial properties. Moreover, most of 

physical hydrogels usually have poor stiffness in physiological strain range such as the one 

found in cartilage, and therefore, their load support capability is very limited [4, 19, 24-26]. 

Despite development of a few physical hydrogels with high stiffness, the lack of chemical 

stability [16, 18] (weakness against mobile ion), low water content [3, 20], long recovery time 

after loading [3, 16, 17, 20], time consuming and complex fabrication process [23] limit their 

application. 

Given hydrogel as a biphasic material, its mechanical dissipation can be due to flow-dependent 

or flow-independent processes. Despite a surge of interest in the development of different 

molecular structures for hydrogels to modulate intrinsic dissipation sources [5, 15, 27, 28] 

(which by definition are flow-independent), there are only a few studies considering flow-

dependent dissipation [29]. However, this kind of dissipation is a salient aspect in soft 

biological tissues such as cartilage [7-9]. Fluidic phase contribution to support load is also a 

well-recognized phenomenon in this tissue [1, 7, 8, 12]. Accordingly, to obtain a material that 

could successfully sustain the demanding physiological loading conditions pertaining for 

example in knee cartilage, we hypothesize that load-bearing hydrogels should be developed 

by considering flow-independent as well as flow-dependent mechanisms. 

A timely efficient hybrid crosslinking system from a single precursor would be highly 

appreciated for potential biomedical applications. By following the sacrificial bonds principle 

[3, 15, 18], a fatigue-resistant single network (SN) hydrogel can be developed via a hybrid 

crosslinking strategy [5]. Crosslinked poly [2-hydroxyethyl methacrylate] (pHEMA) based 

hydrogel presents a SN system with tunable contribution of hybrid bonds. In one hand, 
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different weak physical bonds including hydrophobic associations [30], hydrogen bonding 

[31], and  chains entanglement [32] can be formed in pHEMA hydrogel per se. On the other 

hand, the stiffness and the dissipation level of pHEMA hydrogels can be significantly 

enhanced if the network is copolymerized by a short length crosslinker such as ethylene glycol 

dimethacrylate (EGDMA) [33] to build strong covalent bonds. Furthermore, the proper 

balance of hydrophilic and hydrophobic elements inside the pHEMA network intrinsically 

controls the swelling of the hydrogel in physiological condition and prevents degraded 

mechanical properties [23, 28, 34]. A careful combination of physical and covalent bonds can 

lead to a hybrid crosslinking system with enhanced intrinsic dissipation capacity and fatigue 

resistance capability. In parallel, we aim to incorporate different extent of flow-dependent 

dissipation and load support into the system by controlling the morphological architecture of 

the hydrogel. 

Herein, we report that by an optimized combination of dissipation sources, either dependent 

or not on the flow, fatigue-resistant hydrogels can be developed presenting similar range of 

compressive stiffness, dissipation and water content to cartilage. Permeability of the hydrogel 

is introduced as a source for flow-dependent dissipation and hydrogel material composition 

for intrinsic network dissipation. Surprisingly, we discovered that with a water content close 

to the one of the cartilage (~70%), stiffness and dissipative capacity of porous p(HEMA-co-

EGDMA) hydrogels (presenting combination of dissipation sources) are higher than 

corresponding conventional hydrogels (deprived of flow-dependent dissipative mechanism) 

having the same material composition. We showed that hydrogels with the same level of 

stiffness and energy dissipation may differently sustain fatigue loading depending on their 

preserved or shrank hysteresis curve during cyclic loadings. Additionally, we found that 

chondrogenesis is favored in the cell-laden constructs preserving mechanical hysteresis with 

effective contribution of frictional drag dissipation during cyclic compression rather than in 

constructs having destructive sources of dissipation.  

4-3 Results and Discussion 

4-3-1 Conventional hydrogels with intrinsic dissipation sources 

Considering a timely efficient one-pot polymerization process, we chose the biocompatible 

p(HEMA) based hydrogels reinforced with EGDMA crosslinker to design a hybrid 

crosslinked SN system. The conventional p(HEMA-co-EGDMA) based hydrogels are 
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referred to xCr-yW, where x and y stand respectively for EGDMA molar and initial water 

content (IWC) volumetric ratios to HEMA (Cr and W are abbreviations for crosslinking and 

water). We developed 5 groups of dissipative and stiff hydrogels (in MPa range) and probed 

the role of material composition in physical (weak) and covalent (strong) bonds formation. 

We then highlighted contribution of different bonds to the mechanisms of dissipation and 

fatigue resistance performance. The energy dissipation (ED) during cyclic loading (15% 

cyclic strain over 10% pre-strain at 1 Hz) was defined as the area of the corresponding 

hysteresis loop. As fatigue resistance metrics, we employed i) the differential value of the 

energy dissipation (∆ED = EDi – ED100, i stands for the cycle number) normalized by the 

energy dissipation of a reference cycle taken at the 100th cycle (ED100) and ii) the load support 

capability of hydrogel before and after fatigue loading. Representative hysteresis loop 

evolution and time dependent load support of hydrogels in sequential stress relaxation test 

before and after one hour fatigue loading (3600 cycles) are shown in Figure 1-a and b. 

  

	 	
Figure 1. Single network p(HEMA-co-EGDMA) dissipative hydrogels characteristics. (a) Hysteresis loop 
evolution of 4Cr-55W (gray) and 7Cr-60W (purple) hydrogels during cyclic loading demonstrating the preserved 
and reduced energy dissipation (ED) level, respectively. (b) Time dependent load support (left axis) of 4Cr-55W 
(gray) and 7Cr-60W (purple) hydrogels in sequential stress relaxation (ramp and hold strain in blue, right axis) 
tests before and after fatigue load demonstrating the recoverability of the 4Cr-55W hydrogels and permanent 
damage for the 7Cr-60W hydrogels. (c) Energy dissipation per unit volume (ED averaged over the 90th to 100th 
loading cycles, left axis) and swelling ratio (Qv, right axis). (d) The differential value of the energy dissipation 
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during repeated loadings at 1 Hz for cycle i = 10 and i = 1000 normalized with value of cycle i = 100,

 100100 EDEDEDi  . 

The preserved hysteresis during cyclic loadings arises from a stable dissipation source which 

is necessary for a robust fatigue behavior. Regardless of the level of stiffness and dissipation 

in hydrogels, the dissipation origin should be reversible and non-destructive. As shown in 

Figure 1-c and d, even for hydrogels with similar ED level, e.g. 3Cr-50W and 7Cr-60W, 

significantly different fatigue performance can be observed. The 7Cr-60W hydrogel shows 

the weakest fatigue resistance metrics (Figure 1-d and Figure S1-a) despite its lower stiffness 

(Figure S1-b) than 3Cr-50W, 4Cr-55W and 7Cr-55W hydrogels. Indeed, the higher covalent 

crosslinking density of 7Cr-55W hydrogel provides a stiffer network and a higher dissipative 

capacity compared to its 3Cr and 4Cr counterparts prepared with the same water content. 

However, this strategy of higher covalent crosslinking density comes at the expense of 

reducing fatigue performance, as 7Cr-55W hydrogel displays a shrunk hysteresis curve during 

cyclic loading (Figure S1-c). On the other hand, the optimal balance between weak and strong 

bonds in case of 4Cr-55W hydrogel presents a fairly stiff and dissipative hydrogel with robust 

fatigue resistance thanks to non-destructive dissipation mechanisms.  

A high density of strong covalent bonds can over constrain the hydrogels network, reduce its 

resilience and hinder the role of reversible bonds for energy dissipation. As a consequence, 

the network may either experience chains fracture between two crosslinks or bonds rupture at 

the crosslinking location upon large deformation (Figure 2-a). Both of these processes are 

highly dissipative, nevertheless causing permanent and not recoverable damage (even after a 

long recovery time) as it is observed in the reduced load support capability of the 7Cr-60W 

hydrogel after fatigue loading (Figure 1-b). Alternatively, incorporating a combination of non-

destructive sacrificial bonds to a stable yet flexible network could lead to a proper dissipative 

biomaterial [5]. Therefore, we propose to design hybrid crosslinked SN hydrogels (3Cr-50W 

and 4Cr-55W) in which the network is sparsely populated by the covalent bonds and efficient 

contribution of the physical bonds as schematically illustrated in Figure 2-b. Preserving high 

dissipative capacity with non-destructive processes, however, can only be obtained with an 

increased polymer fraction (reduced water content) in the hydrogel structure. 

The capability of pHEMA hydrogels to form different types of reversible bonds depends on 

the functionality and mobility of the chains in the network with nano-mesh sizes (Table S1). 

In particular, polar hydroxyl (OH) and carbonyl (C=O) side chains in pHEMA not only bring 
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hydrophilicity to the network but also allow hydrogen bonding or pendant group 

sliding/interaction within the chains. In parallel, hydrophobicity of methyl (CH3) groups in 

pHEMA chain acts as a driving force to form a secondary structure via hydrophobic 

associations. These inherent attributes can lead to formation of physical bonds in pHEMA 

network, provided that the network flexibility allows it (Figure 2-b). This was confirmed by 

studying the swelling ratio (Qv) of the developed hydrogels as shown in Figure 1-c. The 7Cr-

55W hydrogel presented a mild swelling in water (Qv>1) meaning that the hydrophilic 

tendency of the pHEMA chains in a constrained network overcame the chains attraction force 

that favors deswelling. In contrary, for the 3Cr-55W hydrogel, the shrinking forces prevailed 

(Qv<1) thanks to the flexibility of its loosely crosslinked network. In case of 4Cr-55W 

hydrogels, the swelling and shrinking forces almost equilibrated (Qv~1), further supporting 

the inverse correlation between network rigidity and physical bonds formation. It is worth 

mentioning that we observed a swelling behavior again in 3Cr and 4Cr hydrogels with more 

than 60% water content (Figure S2). This indicates that the imposed distance within chains 

mitigates the attraction force functionality despite the network mobility (Figure 2-c). 

 

	
Figure 2. Schematic of the constrained and flexible SN p(HEMA-co-EGDMA) hydrogels. (a) High 
concentration of covalent bonds lead to destructive dissipation upon an applied deformation. (b) Optimal hybrid 
crosslinking dissipate input energy non-destructively. (c) Abundant free water within flexible network may 
however inhibit reversible physical bonds formation leading to isolated chains with inferior mechanical 
properties.  
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4-3-2 Porous hydrogels with flow-dependent and flow-independent dissipations 

4-3-2-1 Heteroporous structure to enhance mechanical properties 

Despite encouraging mechanical properties with IWC less than 60%, the stiffness and 

dissipative capacity of conventional p(HEMA-co-EGDMA) hydrogels significantly drop 

(Table 1) with a water content range close to the cartilage (65-80%) [7, 8]. Imposing a large 

amount of water in conventional pHEMA hydrogels not only loosens their networks and 

prevents adequate physical bonds formation [31, 35] but also may lead to phase separation 

with elastically inactive chains within the network [36]. In general, the higher portion of free 

water between chains decreases the corresponding potential for energy dissipation within the 

pHEMA network with isolated chains (Figure 2-c). In analogy, the amount of free water 

between the collagen and mineral phase of cortical bone and the physical bonds participation 

between tropocollagen molecules have a significant influence on the tissue mechanical 

characteristics [37]. Indeed, the presence of heterogeneous water compartments of different 

length scales (pore and bound water) within constituents of load bearing tissues maintains 

their optimal mechanical performance [7, 37]. Based on these observations, we propose to 

develop heteroporous hydrogels with a dual porosity design encompassing nano meshes and 

meso pores (Figure 3).  

	
Figure 3. Heteroporous (obtained by salt leaching) versus conventional hydrogel design strategies in 70% water 
content condition (mimicking cartilage tissue). The patterned water distribution in different length scales lead to 
superior mechanical properties for salt-leached pHEMA hydrogels compared to conventional hydrogels in 70% 
water content. 

Through the dual porosity design, not only water content close to that of cartilage is obtained 

for the hydrogel without isolated chains, but also different dissipative mechanisms of cartilage 
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can be mimicked. Hereafter, the heteroporous p(HEMA-co-EGDMA) hydrogels are simply 

defined as porous hydrogels with xCr-size configuration, where x stands for EGDMA molar 

ratio to HEMA, and size represents the size of the meso pores (extra fine, fine, medium, and 

coarse). By following the dual porosity strategy, we discovered that the stiffness and 

dissipative capacity of the porous p(HEMA-co-EGDMA) hydrogels, containing around 70% 

water, are significantly higher than their corresponding conventional hydrogels (Table 1). It 

was also observed that the mechanical properties of porous hydrogels could be further 

enhanced by changing the initiator of the polymerization process (Figure S3). 

Table 1. Mechanical properties of conventional and heteroporous  p(HEMA-co-EGDMA) hydrogels containing 
around 70% water in equilibrium state corresponding to the cartilage physiological water content.  

Hydrogel EWC (%) ED (mJ/cc) Eeq. (kPa) 

3Cr-67W: conventional 68±1 5.5±0.51 148.05±9.17 

3Cr Ext. Fine: heteroporous 69±1 12.55±0.72* 361.33±30.66* 

4Cr-65W: conventional 67±1 7.51±1.03 293.75±54.58 

4Cr-Ext. Fine: heteroporous 69±1 14.52±1.11* 506.41±67.76* 

EWC: Equilibrium water content. 
ED: Energy dissipation (10% static+15% at 1 Hz). 
Eeq.: Equilibrium Young’s modulus (10-20% strain). 

* Significant difference between 
porous and corresponding conventional 
groups (p < 0.01, n=4).  

4-3-2-2 Evaluation of dissipation mechanisms and characteristics of porous hydrogels  

In porous p(HEMA-co-EGDMA) hydrogels, the intrinsic dissipation of solid network can be 

supplemented with a fluidic frictional drag dissipation. Flow field pressure and velocity in a 

porous medium are governed by its permeability which takes into account the contribution of 

important morphological features within the structure [38]. To impose different levels of solid-

fluid interactions upon loading, we therefore modulate the permeability of the porous 

hydrogels by controlling the pore size. A multi-mechanism design for dissipative hydrogels 

can therefore combine different sources of flow-independent dissipation (either reversible or 

irreversible) as well as frictional drag forces. To this end, we developed 5 groups of porous 

hydrogels presenting different Cr densities and pore sizes while keeping the water content at 

70% (Table S2). The morphological characteristics of the developed porous hydrogels are 

illustrated in Figure 4. We found that different degrees of stiffness, dissipation (Figure 5-a), 

and load support (Figure S5) are achievable only by changing the architecture of the 

hydrogels. Our results also showed that energy dissipation and stiffness are directly related to 

the Cr density and indirectly to the permeability (Figure 5-a) of the hydrogel. In a permeable 

hydrogel (coarse pore size, k~10-12), the flow dependent dissipation contribution is minor, 
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while it is a dominant dissipation source in poorly permeable hydrogel (finer pores, k≤10-14). 

In parallel, Cr density modulates the intrinsic dissipation source of the polymeric network as 

discussed before.  

 

 

Figure 4. Porous hydrogels morphological characteristics. (a) Pores size distribution of the developed porous 
hydrogels determined by analysis of µCT scans and corresponding strain-free permeability (k0). (b-e) Created 
three dimensional (3D) images using reconstructed µCT scans for porous hydrogel having coarse, medium, fine, 
and extra fine pores, respectively. Since the 3D images were almost the same for 4Cr and 8Cr-Coarse pores, 4Cr-
Coarse image was not illustrated. 

Via control of the hydrogel’s permeability and material composition, we combined the fluidic 

and solid network dissipation sources. As shown in Figure 5-a, three porous hydrogels (4Cr-

Fine, 6Cr-Medium and 8Cr-Coarse) present similar dissipation levels to human articular 

cartilage when subjected to a walking-like cyclic compression [9, 39] (defined as “standard 

regime”: 10% static strain + 10% dynamic strain at 1 Hz). The contribution of the dissipation 

sources in these hydrogels was evaluated by computing the ratio of the ED obtained with 

lower frequency and larger dynamic strain (defined as “validation regime”: 5% static strain + 

15% dynamic strain at 0.1 Hz) to the ED of standard regime. Being a function of the loading 

rate, velocity of the fluid phase is decreased in the “validation regime” resulting in lower 

frictional drag dissipation. Accordingly, in the 4Cr-Fine hydrogel with poor permeability and 

effective contribution of flow-dependent dissipation, we observed a lower ED in the 
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“validation regime” compared to the “standard regime” (Figure 5-c, ED ratio ~ 0.7). 

Additionally, by applying a larger cyclic strain, an increased dynamic deformation is 

generated within the polymeric network, which in turn leads to a higher flow-independent 

dissipation. Therefore, the 8Cr-Coarse hydrogel with a dominant solid intrinsic dissipation 

showed higher ED level in the “validation regime” compared to the “standard regime” (Figure 

5-c, ED ratio ~ 1.2). Finally, in the intermediate condition of the 6Cr-Medium hydrogel, no 

significant difference in the level of energy dissipation was observed between the two applied 

loading regimes. This indicates that the influence of the decreased frequency and the increased 

dynamic strain compensate each other in the 6Cr-Medium hydrogel confirming the 

contribution of the flow-dependent and the flow-independent dissipation sources. 

Additionally, to validate the inverse correlation of the flow-dependent dissipation source to 

the permeability, we increased the viscosity of the fluidic phase of the hydrogel by using 

glycerol instead of water for the ED evaluation. Indeed, the ED level was further amplified 

with glycerol compared to water (Figure S6) for the 4Cr-Fine hydrogel having a lower 

permeability compared to the 8Cr-Coarse hydrogel.  

To further gain insight on the respective contribution of the solid and fluid phases on 8Cr-

Coarse and 4Cr-Fine hydrogels viscoelastic behavior, a semi-inverse poro-viscoelastic model 

was developed following an iterative optimization process (Figure S7). It was shown that the 

release of the pressurized fluid is mainly contributing to the transient stress in the porous 4Cr-

Fine hydrogels which are poorly permeable, while flow-dependent viscoelasticity has no 

influence for porous 8Cr-Coarse hydrogels with high permeability (Figure S8). In contrary, 

flow-independent viscoelasticity has minor effect on transient stress for 4Cr-Fine hydrogels, 

despite its dominant role for 8Cr-Coarse hydrogels. 

While showing encouraging fatigue resistance metrics (Figure 5-b), the mechanical properties 

of 4Cr-Coarse hydrogel (ED and Eeq) are inferior compared to the cartilage ones (Figure 5-a). 

Our results showed that the dissipation and stiffness values corresponding to the cartilage ones 

could be either obtained by an increased Cr density of the network or by a reduced 

permeability of the porous structure. However, the obtained fatigue performance could be 

significantly different depending on the dominant mechanism of dissipation. Indeed, the 

contribution of destructive flow-independent processes (bonds rupture or chain fracture) is 

intensified for the 8Cr-Coarse hydrogels. In this case, the differential normalized value of the 

energy dissipation during cyclic deformation is about 65% for cycles 10 to 100 indicating 
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weak fatigue resistance (Figure 5-b). To better examine the effect of the irreversible process 

on the hydrogels mechanical behavior, the ED recoverability (EDr) was compared for two 

identical cyclic loading experiments in two consecutive days (Figure S9). We observed partial 

ED recovery of the 8Cr-Coarse hydrogels (Figure 5-d, EDr ~0.8) meaning that shrunk 

hysteresis in this case is partly influenced by the reversible processes. Moreover, to scrutinize 

hydrogels long-term durability, the ratio of load support (Rls) in equilibrium state was 

evaluated before and after fatigue test with 3600 loading cycles. Despite presenting a slight 

recovery by a longer resting time, a significant drop on equilibrium load support (Rls~2.5) was 

detected at 10% strain level for the 8Cr-Coarse samples (Figure 5-e). The Rls value has almost 

linearly reached to 1.5 at 20% strain in these hydrogels.  

	 	
 

  

Figure 5. Mechanical characteristics of porous p(HEMA-co-EGDMA) hydrogels containing 70% water 
corresponding to the physiological cartilage value. (a) Energy dissipation level (ED, left axis) and equilibrium 
Young’s modulus (Eeq, right axis) of the developed porous hydrogel along with the corresponding values for the 
cartilage in range of 10 to 20% strain [1, 9, 12, 40, 41]. (b) The differential normalized value of the energy 
dissipation upon standard loading regime for cycle 10 and 1000 with respect to cycle 100 as the reference cycle 

 100100 EDEDEDi  . (c) Energy dissipation ratio of validation to standard loading regimes for porous hydrogels 

with similar dissipative capacity but different dissipation mechanisms (* significant difference with p < 0.01; n 
=4). (d) Recoverability of energy dissipation upon standard loading regime in two consecutive days while resting 
overnight in water after the first test. (e) Equilibrium load support ratio in sequential stress relaxation tests before 
and after fatigue loads. 

4C
r-E

xt
. F

in
e

4C
r-F

in
e

4C
r-C

oar
se

6C
r-M

ed
iu

m

8C
r-C

oar
se

0

3

6

9

12

15

0

200

400

600

800

1000

E
D

c
y

c
le

s
 9

0
-1

0
0

 m
e

a
n
  

(m
J

/c
c

)

E
e

q
.  (k

P
a

)
ED Eeq.

Cartilage range

4C
r-E

xt
. F

in
e

4C
r-F

in
e

4C
r-C

oar
se

6C
r-M

ed
iu

m

8C
r-C

oar
se

0

10

20

30

40

50

60

70


 E

D
 /

 E
D

10
0
  

(%
)

Cycles 10 & 100

Cycles 100 & 1000

4Cr-Fine 6Cr-Medium 8Cr-Coarse
0.6

0.8

1.0

1.2

E
D

 r
a

ti
o

(E
D

v
a

li
d

a
ti

o
n

/E
D

s
ta

n
d

a
rd

)

*

**

1 10 100

0.6

0.8

1.0

1.2

Cycle (#)

E
D

re
co

v.
(E

D
d

a
y

 2
 / 

E
D

d
a

y
 1

)

4Cr-Ext. Fine
4Cr-Fine
8Cr-Coarse

10% 15% 20%

1

2

3

Strain level

R
a

ti
o

 o
f 

lo
a

d
 s

u
p

p
o

rt
 -

 R
ls

(B
e

fo
re

 /
 A

ft
e

r 
F

a
ti

g
u

e
)

4Cr-Ext. Fine:1 hr rest
4Cr-Ext. Fine:1 day rest
4Cr-Fine: 1 hr rest
4Cr-Fine: 1 day rest
8Cr-Coarse: 1 hr rest
8Cr-Coarse: 1 day rest

(c) (d) (e) 

(a) (b) 



 

 
77 

In contrast, the non-destructive flow-dependent mechanism in the 4Cr-Fine and 4Cr-Ext.Fine 

porous hydrogels not only recapitulated cartilage mechanical properties, but also maintained 

hydrogels fatigue resistance and durability (Figure 5-b, d & e). Regardless of a slight 

hysteresis evolution (Figure 5-b) in all 4Cr compositions, the ED level (Figure 5-d, EDr ~1) 

and load support capability (Figure 5-e, Rls~1) could be fully recovered. This means that non-

destructive processes, such as reversible rearrangement of the network or fluid exchange, 

govern the hysteresis evolution in 4Cr porous hydrogels during cyclic loading. These self-

healable dissipation sources can therefore protect these hydrogels over cycles of dynamic 

loading due to their recoverable nature (Figure S9). The developed 4Cr porous hydrogels with 

coarse, fine and extra fine pores have respectively similar morphology (Figure 4), dissipation 

level and stiffness (Figure 5-a) to 8Cr-Coarse porous hydrogel. Accordingly, it could be 

concluded that the fatigue resistance performance is not a function of morphology, dissipation 

level, and stiffness of the viscoelastic hydrogels but rather depends on the nature of dissipation 

source. 

4-3-3 Mechanobiological performance of hydrogels with different dissipation 

mechanisms 

Dynamic compression is the most widely employed loading regime in cartilage tissue 

engineering and mechanobiology, where stimulations up to 20% compressive strain have 

promoted chondrogenesis [39, 42, 43]. A direct correlation was also reported between the ED 

level of cell-seeded hydrogels and chondrogenic expression following cyclic compression [9]. 

They showed chondrogenic markers are at highest level for scaffold with dissipation level of 

healthy cartilage. In a recent study, hydrogels presenting a faster stress relaxation under 

compression, promoted cartilage formation [10], confirming the role of viscoelastic attributes 

on mechanobiology of cartilage [8, 9, 44]. We propose that the enhanced mechanical 

performance obtained by preserved hysteresis might be further applied to mechanobiological 

function of hydrogels. For this purpose, we examined the intracellular transcriptions of human 

chondro-progenitor cells [45] embedded in the 4Cr-Fine and 8Cr-Coarse dissipative hydrogels 

following mechanical stimulation. These two groups of hydrogels have a similar ED value 

(Figure 5-a), which is in the range of healthy cartilage, even though their respective ED 

originates from different sources. Having confirmed cells penetration and viability up to 10 

days in the developed porous hydrogels (Figure S10 and S11), we performed an in vitro 
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mechanobiological experiment consisting of intermittent cyclic compressions (Figure S12-a) 

to evaluate cells differentiation. 

	

	
	

Figure 6. Chondrogenic markers expression for human chondro-progenitor cells when sedded into two types of 
porous hydrogel presenting similar dissipative capacity and water content to articular cartilage. (a-b) COL2A1 
and SOX9 relative fold increase (depicted as mean value with minimum and maximum ranges) following cyclic 
compression in treatment (Stim.) group with respect to free swelling  control (Cont.) group (* and ** mean 
significant difference with p < 0.05 and p<0.01, respectively; n =4). (c) Evolution of the energy dissipation level 
following cyclic compression for the two types of dissipative hydrogel undergoing mechanical stimulation. 
Internal fissures (shown by arrows) appeared inside the 8Cr-Coarse hydrogel structure after repeated loading. 

Upregulation of chondrogenic markers (Collagen-2a1 (COL2A1), SRY-box 9 (SOX9), and 

Aggrecan (ACAN)) were observed in the two groups of dissipative hydrogels by mechanical 

stimulation (Stim.) relative to corresponding free swelling control groups (Cont.). However, 

following the mechanical stimulation, a higher relative fold increase was always observed for 

chondrogenic markers (Figure 6-a and b, Figure S12-b) in the 4Cr-Fine constructs compared 

to the 8Cr-Coarse hydrogels. Given different mechanisms of energy dissipation, the seeded 

cells in the two hydrogel groups did not receive the same physical signals despite applying a 

similar external loading on them.  

In the hydrogel group deprived of reversible dissipation sources (8Cr-Coarse), the required 

physical cues cannot be kept at an appropriate chondro-inductive level via a constant loading 

regime over the entire period of the stimulation in particular due to internal damages in the 

hydrogel (Figure 6-c). A contrario, for the hydrogel presenting a preserved hysteresis loop 

(4Cr-Fine), the stimulation could be stabilized after a few preconditioning cycles. This latter 
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hydrogel could even sustain a 70% compressive strain without presenting a plastic 

deformation or defects unlike the 8Cr-Coarse hydrogel (Figure S13). Mechanical hysteresis 

has been recently proposed to be an overarching mechanobiological variable to encompass 

the solid and fluid related physical cues [9, 44]. Therefore, if the level of ED close to the one 

of cartilage is the target mechanobiological variable when applying a dynamic loading, 

hydrogels possessing non-destructive mechanisms of dissipation should be designed. 

4-4 Conclusion 

By developing hydrogels in which the flow-dependent and flow-independent dissipation 

processes can be independently controlled under cyclic loading, we showed that fatigue 

resistant hydrogels can be developed presenting similar extent of compressive stiffness, 

dissipation, and water content to cartilage. In these hydrogels, the reversible solid intrinsic 

dissipation sources act synergistically with the flow-induced dissipation source to damp the 

transferred mechanical energy to the hydrogels and to allow them sustaining cyclic loadings. 

While hydrogels having a dissipation mainly originating from non-destructive processes 

present a preserved hysteresis with a robust load support performance, the hysteresis loop in 

hydrogels with destructive dissipation is shrinking over of fatigue loading cycles causing a 

reduced load support capability. In the present study, it is further demonstrated that the 

mechanism of dissipation could play an important role in the chondrogenesis pathway. Indeed, 

chondrocytes differentiation is favored by the conditions, which mimic more similarly the 

cartilage extracellular characteristics (low permeability and mobile network). In such a local 

mechanical environment, different mechanosensitive elements including nucleus, ion 

channels, primary cilium, and cytoskeleton can be activated by an adequate frictional drag 

force, developed hydrostatic fluid pressure, and matrix deformation [8, 42]. The understanding 

and consequently the control of the different dissipation sources in the development of 

hydrogels open the possibility to obtain hydrogels with increased mechanical properties to be 

used in demanding mechanical loading environments and even to bring unforeseen new 

functionalities such as for example the control of cells fate for tissue engineering applications. 

4-5 Experimental Section 

Precursors of pHEMA hydrogels were prepared with different concentrations of EGDMA and 

bi-distillated water with respect to HEMA content. By adding the DPAP photo-initiator (0.1% 

of mol HEMA) to the mixture, the solution was transferred to cylindrical transparent molds 
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(6 mm diameter and 2.5 mm thickness) and covered with narrow microscope glass. After ultra 

violet (UV) polymerization for 15 min (365 nm, 2 mW/cm2), as-prepared conventional 

hydrogels were used for swelling study and then for mechanical characterization once 

hydrogel disks equilibrated in water. Salt leaching method was employed for porous hydrogels 

fabrication following UV radiation or heating polymerization (details in Supplemental data) 

of target HEMA-EGDMA precursor inside Teflon molds containing sieved salt particles 

(Table S2). To remove entrapped salt particles, samples were kept in stirred water for one 

week during which the water was changed several time before saturation. The diameter and 

thickness of the hydrated porous hydrogels were sized using a punch and home-made cutting 

tool (8 mm, 2.5 mm).  

The volumetric swelling ratio of the conventional hydrogels was calculated by measuring the 

volume of as prepared and swollen samples according to	
	

. For this purpose, 

as prepared and swollen samples were weighted in air ( ) and ethanol ( .) and their 

corresponding volume was calculated as .  based on Archimedes' buoyancy 

principle. Similarly, the equilibrium water content (EWC) of the developed hydrogels (either 

homopororus or heteroporous) was determined via the volume of the hydrated ( ) and 

weight of the dried  samples as 
/

. Micro-computed 

tomography (µCT Skyscan 1176, Bruker, Kontich, Belgium) scans of freeze-dried samples 

were employed for the morphological analysis. Pores distribution was evaluated by CTAn 

software (Bruker) and 3D images were created by AMIRA software (FEI Visualization 

Sciences Group, Burlington, MA, USA) using reconstructed µCT scans.  

By measuring force and displacement during cyclic compression and calculating the hysteresis 

area upon loading and unloading, we experimentally quantified the amount of energy 

dissipation. Three sequential unconfined compressions and hold steps were applied on 

samples to evaluate time dependent load support over stress relaxation test (Figure S1 and 

Figure S4). Additionally, we utilized corresponding relaxed stress and strain values to evaluate 

the slope of the best linear fit as equilibrium Young modulus (Eeq.). Complete description of 

methods for mechanical and structural characterization of hydrogels can be found in 

supporting information.  
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The finite element model was developed using COMSOL Multiphysics (COMSOL Inc., 

Burlington, MA, USA) by employing Darcy’s Law and Solid Mechanics modules to study the 

time dependent mechanical behavior of the porous hydrogels. Different parameters for a poro-

viscoelastic model are required including equilibrium Young modulus (Eeq), strain dependent 

permeability (k(ε)), porosity (φ), Poisson ration (ν), and relaxation function (G(t)) which is 

usually approximated by a Prony Series (e.g., G(t)= G + ∑Gi e-t/τi). Having measured Eeq, 

k(ε), ν and φ by relevant experiments, relaxation moduli (Gi) and times ( i) were estimated as 

reported in Table S3 by an iterative process using particle swarm optimization (detail in 

supplemental data-Figure S7) to obtain the same trend of stress relaxation for the model and 

the experimental data.  

For mechanobiological study, cells infusion was carried out by an optimized compression 

released induced suction (CRIS) method as described in our previous work [46]. Hydrogels 

were then pre-cultured for 3 days in proliferation medium inside a standard incubator (37°C, 

5% CO2). After this step, differentiation medium was used and starting from day 5, the 

mechanical stimulation in standard loading regime was applied on 2 groups of porous 

hydrogels in a home-made compression bioreactor [9]. The stimulation time was 2 hours per 

day for a period of 4 days, while the corresponding control groups were preserved in 

equivalent condition but without applied loading. Detail process of mechanobiological 

experiment and analysis can be found in supporting information (Figure S12 and Table S4). 

The statistical significance between different study groups was determined by Student t-test 

when required (n=4).  

Supporting Information 

Corresponding supplementary data can be found at the end of this chapter. 
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Supplemental Data for Chapter 4 

Conventional hydrogels mechanical characterization 

The equilibrium Young modulus (Eeq.) was measured by Instron uniaxial testing machine 

(Instron E3000, Norwood, Massachusetts, USA) through 3 sequential unconfined 

compressions-hold steps at 10, 15 and 20% compressive strains. Initial cross section area and 

thickness of samples were used to calculate stress-strain values from raw load-displacement 

data. The level of energy dissipation (ED) was obtained by applying 15% cyclic compression 

at 1 Hz over 10% static strain on hydrated samples in a water bath. A custom-written 

MATLAB script (The MathWorks, Natick, MA, USA) was used to extract the enclosed 

hysteresis area from the load-displacement (stress-strain) graphs. 
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Figure S1. Homogeneous SN p(HEMA-co-EGDMA) hydrogels mechanical characteristics. (a) Equilibrium load 
support ratio before to after fatigue load in sequential stress relaxation tests (n=3 per group). (b) Equilibrium 
Young modulus (Eeq.)  of the developed hydrogels (n=4 per group). (c,e & g) Representative hysteresis loop 
evolution for 7Cr-55W (black) 3Cr-50W (blue) and 3Cr-55W (green) during cyclic loading (Note: the 
representative curves for 7Cr-60W and 4Cr-55W were reported in the main part). (d, f and h) Representative 
time dependent load support of 7Cr-55W (black) 3Cr-50W (blue) and 3Cr-55W (green)  in sequential stress 
relaxation (ramp and hold strain) tests before and after fatigue load of 3600 cycles  (10% static strain + 15% 
dynamic strain at 1 Hz). 

Evaluation of conventional hydrogels structural characteristics 

By evaluating the polymer volume fraction immediately after polymerization (as prepared) in 

relaxed state (v ) and after swelling in water (v ), the average molecular weight between 

crosslinks (M ) for hydrogel prepared in the presence of water can be determined using 

modified Flory–Rehner theory [1] by (S1): 
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where M  is the average chains length (considered here equal to 400 unit monomer of HEMA, 

Mn≈54000 g/mol) , ν is the specific volume of polymer, V  is the molar volume of water (18.03 

mL), and χ is the thermodynamics interaction parameter determined as: 

χ 0.320 0.904υ  (S2) 

The mesh size can then be calculated using equation (S3): 

ξ υ / 2M C
M

l (S3) 

Where ξ is the mesh size, Mr is the molecular weight of HEMA unit monomer (134.12 g/mol), 

Cn is the Flory characteristic ratio (6.9 for HEMA) and l the length of the bond along the 

polymer backbone (1.54 A). 

Table S1. Homogeneous SN p(HEMA-co-EGDMA) hydrogels characteristicsa 

Hydrogel      (g/mol) 	(nm) Appearanceb 

3%Cr-50%W 
0.92 

±0.07 

0.55 

±0.01 

0.50 

±0.05 
0.82 

3842 

±861 

3.72 

±0.45 

	

7%Cr-60%W 
1.10 

±0.02 

0.37 

±0.02 

0.41 

±0.02 
0.65 

1931 

±354 

3.00 

±0.23 

3%Cr-55%W 
0.88 

±0.01 

0.52 

±0.01 

0.46 

±0.01 
0.79 

9210 

±948 

5.90 

±0.32 

4%Cr-55%W 
1.00 

±0.01 

0.50 

±0.01 

0.50 

±0.01 
0.77 

13120 

±176 

7.13 

±0.07 

7%Cr-55%W 
1.13 

±0.06 

0.39 

±0.01 

0.44 

±0.01 
0.67 

2492 

±151 

3.36 

±0.08 

a: All average molecular weights (Mc) were calculated by assuming Mn=54000 g/mol. 
b: The horizontal black line has 10 mm length. 

Increased initial water content (IWC) and swelling behavior of 3Cr and 4Cr 

conventional hydrogels 

Despite deswelling of 3Cr-55W and neutral state of 4Cr-55W hydrogels, the swelling forces 

prevail polymeric chains attraction forces for higher IWCs (e.g., 60, 65 and 70%). In these 

compositions, free water portion between chains was large enough to avoid formation of a 

new secondary structure that favors shrinkage of the network. We also observed slightly larger 

swelling in case of 4Cr-65W compared to 3Cr-65W hydrogels (IWC~65% was detected as 
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maximum swelling condition) indicating more efficient attraction forces between chains in 

more resilient network (lower crosslinking density) thanks to a higher degree of freedom 

within the network.  

	

IWC: 60% 65% 70% 

3Cr 

	
4Cr 

	

Figure S2. Swelling behavior of 3 and 4Cr p(HEMA-co-EGDMA) hydrogels when IWC is higher than 60%. 

Effect of initiator type on porous hydrogels mechanical properties 

By testing different initiator for the polymerization process, we realized that the mechanical 

properties of porous hydrogels could be improved with different initiator agents. Since porous 

hydrogels do not initially contain high water amount, contrary to conventional hydrogels, we 

could employ heat polymerization without significant loss of water during the fabrication 

process instead of UV polymerization by 2,2-dimethoxy‐2-phenylacetophenone (DPAP[57 

mg/mL ethano]). We therefore utilized 40 µl ammonium persulfate (AP[100 mg/mL water]) and 40 

µl sodium metabisulfite  (SM[100 mg/mL water]) redox initiator solution (AP-SM,  

polymerization time: 2 hours) instead of 40 µl photo initiator solution (DPAP, polymerization 

time: 15 minutes) for 1 ml HEMA and compared the corresponding mechanical properties of 

porous 4Cr-Fine hydrogel.  

	
Figure S3. Equilibrium Young modulus (Eeq.) in range of 10 to 20% compressive strain and the level of ED by 
applying 10% dynamic strain over 10% static strain at 1 Hz on 4Cr-Fine porous hydrogels prepared with different 
initiator agents. 

 

 

60% IWC 65% IWC 70% IWC
0.8

0.9

1.0

1.1

1.2

Q
v
 (

v s
w

/v
a

p
)

3Cr

4Cr

AP_SM Initiator DPAP Initiator
0

5

10

15

0

200

400

600

E
D

c
y

c
le

s
 9

0
-1

0
0

 m
e

a
n

 (
m

J/
cc

)
E

eq
. (kP

a)

ED

Eeq.



 

 
89 

Porous hydrogels structural characteristics 

The salt particles were manually separated with the stainless steel sieves in 7 different sizes 

from 100 to 500 µm. Then, different salt groups were combined with predefined ratio 

according to the Table S2 to control the permeability of the porous hydrogels while keeping 

the same equilibrium water content (EWC). Permeability (k) of the hydrogels were measured 

based on Darcy’s law in 0% and around 20% compressive strains by a recently developed 

customized experimental set-up [2]. Briefly, the flow rate was measured under constant water 

head condition by measuring the weight of traversing water through the porous hydrogels in 

a period of time (See chapter 2). 

Table S2. Porous p(HEMA-co-EGDMA) hydrogels characteristics 

Hydrogel Type Salt Size (µm) EWC (%) k at 0% strain (m2) k at 20% strain (m2) 

8%Cr- 
Coarse Pores 

300-350: 60% 

400-500: 40% 
67±3 1.76E-12 ±5.04E-13 1.22E-12 ±3.72E-13 

6%Cr- 
Medium Pores 

250-300: 55% 

300-350: 45% 
68±2 5.10E-13 ±2.65E-13 2.08E-13 ±4.22E-14 

4%Cr- 
Fine Pores 

200-250: 80% 

150-200: 20% 
68±2 1.09E-14 ±1.55E-14 2.35E-15 ±3.07E-15 

4%Cr- 
Coarse Pores 

300-350: 60% 

400-500: 40% 
69±2 O(E-12)a O(E-12)a 

4%Cr- 
Extra Fine 

100-150: 100% 69±1 < O(E-16)b < O(E-16)b 

a: we estimate permeability of 4Cr-Coarse samples to be in the same order of 8Cr-Coarse hydrogels considering 
their similar pores distribution (Figure 4-Chapter 4), EWC and morphology (the samples stiffness was not 
adequate for a reliable measurement based on radial sealing method [2]).  
b: it was difficult to precisely measure the permeability of porous 4Cr-Ext. Fine hydrogels due to very slow flow 
rate and long required time for passing a detectable amount of water without evaporation. However, we can safely 
estimate based on our previous work that the permeability of this group is lower than 10-16 m2. 

Porous hydrogels mechanical characterization 

All the samples preconditioned firstly to consider the effect of loading history of cell seeding 

step on mechanical properties of porous hydrogels. For this purpose, samples were submitted 

to a predefined loading regime (30-35% compressive strain for 5 times) according to the 

compression-induced suction (CRIS) seeding method [3] and then rested overnight before all 

characterization tests. Sequential stress relaxation tests were carried out as described for the 

conventional hydrogels. However, to measure energy dissipation, we applied 10% cyclic 

compression for porous hydrogels (instead of 15% for conventional hydrogel) over 10% pre-

strain at 1 Hz.  
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Figure S4. Heteroporous pHEMA based hydrogels mechanical behavior. (a,c & e) Representative hysteresis 
loop evolution for 8Cr-Coarse (purple), 4Cr-Fine (blue) and 4Cr-Extra Fine (black) during cyclic loading. (b,d 
& f) Representative time dependent load support of 8Cr-Coarse (purple), 4Cr-Fine (blue) and 4Cr-Extra Fine 
(black)  in sequential stress relaxation (ramp and hold strain) tests before and after fatigue load of 3600 cycles  
(10% static strain+10% dynamic strain at 1Hz). 

Load support capacity in porous hydrogels  

We applied 20% strain at a 500 µm/s loading rate and then hold it (stress relaxation) to 

evaluate the load support capacity of three representative porous hydrogels (8Cr-Coarse, 4Cr-
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Fine, and 4Cr-Ext. Fine) under a physiological loading condition (Figure S5). It can be 

observed that different levels of load support are achievable by varying the morphological 

architectures or network rigidity of the porous hydrogels. Indeed, the solid phase participation 

to load support is due to the polymeric network rigidity, while the fluid phase contribution is 

based on the development of hydrostatic fluid pressure, which can be amplified by reducing 

the permeability of the porous hydrogel.  

	
 Figure S5. Typical time dependent load support of representative porous hydrogels during stress relaxation test 
(the load support capacity of 4Cr-Ext. Fine hydrogel at maximum stress is comparable to 8Cr-Coarse hydrogel). 

Effect of the fluidic phase viscosity on energy dissipation 

To validate the inverse correlation of the flow-dependent dissipation source to the 

permeability, we increased the viscosity of the fluidic phase of the hydrogel by using glycerol 

instead of water for the ED evaluation.  

As shown in Figure S6, the ED level was further amplified with glycerol compared to water 

for the 4Cr-Fine hydrogel having a lower permeability (k~10-14) than 8Cr-Coarse hydrogel 

(k~10-12). This increase is much more significant in early cycles when the pores still contain 

considerable amount of glycerol. Due to lower permeability of 4Cr-Fine hydrogels, the 

glycerol with higher viscosity, cannot refill the pores during unloading time following an 

applied compression, which enforces fluid seepage. Therefore, the ED is being decreased 

during cyclic loading. 
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Figure S6. Effect of the fluidic phase viscosity on dissipative behavior of different porous hydrogels. (a) Typical 
trends of ED level with different fluid viscosities over the applied loading cycles for 4Cr-Fine and 8Cr-Coarse 
hydrogels. (b) Comparison of ED ratio in cycles 1, 10 and 100 in two groups (mean and SD, n=4).  

Separation of solid and fluid phases contribution to load support  

We combined experimental characterization and computational optimization to separate the 

flow-dependent and the flow-independent part of the load support by developing a poro-

viscoelastic (PVE) model [4-6]. The solid and the fluid phases were coupled based on  theory 

of poroelsticity [7] and a linear visco-elastic behavior for the solid part was assumed according 

to Maxwell–Wiechert model [8]. In the model, the 2D axisymmetric cross section of 

cylindrical samples having 2.5 mm thickness and 4 mm radius was divided to finite elements 

(Figure S7-a).  We then defined an estimation routine using particle swarm optimization (PSO) 

[9] in MATLAB (see appendix 1 for detail), and run the COMSOL model iteratively to find 

the optimum set (Figure S7-b). The objective function (OF) for PSO was defined according 

to equation S4, in which we covered peak and equilibrium stresses ( ) along with stress decay 

rates ( ) at critical time points of relaxation curve. It is worth mentioning that the PSO 

technique converged to an optimal set much faster than Genetic Algorithm (see appendix 1).   

OF	 w    σ σ u 	
dσ
dt

dσ
dt

	 
S4 	

In equation S4, σ is the nominal stress obtained from experiment (σ ), σ  is 

the total stress obtained from the PVE model which consists of solid phase stress and fluid 

pressure (σ σ ). Additionally, wi and ui are weighting coefficients and 

assigned based on the importance of the employed time points.  
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Table S3. Optimized  relaxation time (τ 	) and modulus (G ) of the PVE model relaxation function for the 

representative porous p(HEMA-co-EGDMA) hydrogels. 

Porous 
hydrogel 

 
(kPa) 

 (s)  (kPa) 	 (s)  (kPa) 	 (s)  (kPa) 	 (s) 

8%Cr-Coarse 295e4 0.002 100 0.1 105 7.26 335 225 

4%Cr-Fine 200 0.42 58 5.82 215 1600 -a -a 

a: It was not necessary to employ the fourth viscoelastic branch in Maxwell–Wiechert model (G  and τ 	) for the 4Cr-Fine 

hydrogel as we obtained good enough precision with n=3 on Prony Series for relaxation function. 

 

 

	

	

	
	

Figure S7. Emplyed method to separate flow-dependent and flow-independent load support via a poro-
viscoelastic (PVE) model. (a) Schematic of experimental setup and corresponding model in COMSOL. (b) 
Flowchart of the combined experimental and computational methods for estimation of relaxation function 
parameters. 

As can be observed in Figure S8-a and b, the optimized poro-viscoelastic model properly 

predicts experimental data and consequently separates solid and fluid phases contribution 

(Figure S8-c and d). The obtained values to estimate the relaxation function by using the 

experiments, performed at a 500 µm/s loading rate, were validated by comparing the model 

predication for another loading rate (e.g., 50 µm/s) with corresponding experimental data 

(Figure S8-e and f). Our simulation results revealed that the relaxation moduli (Gi) are directly 

correlated to crosslinking density of the hydrogels, while there is an inverse correlation 

between relaxation times (τi) and crosslinking density of the polymeric network (Table S3). 

Moreover, the release of compression-induced fluid pressure takes a longer time in hydrogels 

with lower permeability contrary to the instantaneous relief in highly permeable hydrogels. In 

this latter case, the total stress is sustained by the solid matrix (Figure S8-d) and this can be 

destructive for sample at maximum stress. On the other hand, the load is partly carried by the 
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solid matrix at the maximum stress in the 4Cr-Fine hydrogel (Figure S8-c) owing to its lower 

permeability letting fluid pressurization to be established. 

 

	 	

	 	

	 	

Figure S8. Separating flow-dependent and flow-independent load support by an optimized poro-viscoelastic 
model. (a, c) 4Cr-Fine hydrogel experimental and simulation results for 500 µm/s loading rate. (b, d) 8Cr-Coarse 
hydrogel experimental and simulation results for 500 µm/s loading rates. (e, f) Validation of the developed poro-
viscoelastic model in 50 µm/s loading for 4Cr-Fine (left) and 8Cr-Coarse (right) hydrogels. 
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Recoverability of hysteresis loop in porous hydrogels  

The destructive and non-destructive processes contribution to the evolution of the porous 

hydrogels hysteresis loop was evaluated. In this regard, the level of energy dissipation over 

100 cycles was compared between two loading sessions (10% static strain+10% dynamic 

strain at 1 Hz) performed with an overnight interval between them (Figure S9).  

	
Figure S9. Typical hysteresis loop area (ED) variation for 8Cr-Coarse (purple), 4Cr-Fine (blue) and 4Cr-Extra 
Fine (black) during two cyclic loading tests performed with an overnight recovery time (the dissipation source 
in 8Cr-Coarse hydrogel is not recoverable indicating a destructive process). 

The dramatic drop of ED in highly crosslinked sample (8Cr-Coarse) over loading cycles is 

partly due to the destructive sources of the energy dissipation (e.g., chains fracture or bond 

rupture during loading). However, after overnight resting, there is a partial recovery and the 

ED level (first cycle) for day 2 starts from a higher value than last cycle of the ED for day 1, 

but still lower than the first cycle of ED for day 1 (intact condition). In contrast, the 

combination of reversible solid intrinsic and frictional drag dissipations is fully recoverable 

in hybridly crosslinked and poorly permeable hydrogels (4Cr-Fine and Ext. Fine).  

 

Cells distribution and viability in porous hydrogels 

Human epiphyseal chondro-progenitors (ECP) cells were expanded on T75 culture flasks to 

increase their population. The consumed Proliferation Medium (PM) for cells was DMEM 

containing L-Glutamine, 4,5 g/l D-Glucose and Sodium pyruvate, (Life Technologies) which 

was supplemented with 10% FBS (Sigma) and 1% L-Glutamine and Penicillin (Life 

Technologies). Cells were grown in standard incubator (37 °C and 5% CO2) to 90% 
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confluence, trypsinized and redistributed again in 2D culture up to passaged 5. Porous 

hydrogels were sterilized and coated with fibronectin before cell seeding step for the sake of 

bioactivity and providing similar cell-hydrogel interface [3, 10]. The optimized compression 

released induced suction (CRIS) seeding technique was employed to infuse cells (1 and 1.5 

million for 8Cr-Coarse and 4Cr-Fine, respectively) inside porous hydrogel discs (2.2 mm 

thickness and 8 mm diameter) as described in our previous work [3].  

The 3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide (MTT) cell proliferation 

Kit I (Roche Corporation, Indianapolis, USA) was used to observe ECP cells distribution 

inside porous hydrogels. After cell seeding, infiltration and distribution of cells were evaluated 

at day 2 by using a Stereomicroscope (LEICA MZ 16 1FA) following MTT labeling as shown 

in Figure S10. Briefly, the cell-laden hydrogels were cut in half and immersed in 300 ml 

DMEM medium (without phenol red) inside a 48 well plate. Then, 30 µl of MTT dye was 

added to each well and samples were incubated (37 °C and 5% CO2) for 4 hours to let 

formazan formation.  The insoluble purple formazan is produced due to cells metabolic 

activity and therefore demonstrates viable cells distribution within the hydrogels.  

We also assessed viability of cells inside porous hydrogels (Figure S11) at different time 

points (day 5 & 10) by performing live and dead staining using Viability/Cytotoxicity Assay 

Kit (Biotium, Fremont, CA) following manufacturer protocol. Before staining, the cell-

hydrogel constructs were incubated in 500 µl DMEM medium without phenol red inside a 48 

well plate for 3 hours to diminish reddish color of the hydrogels due to phenol red in 

proliferation medium. Then, the samples were stained by 500 µl of the mixed live/dead 

working solution (1 µl Calcein and 2 µl Eht in 5 ml PBS) for 30 min at room temperature (RT) 

in dark. Finally, the samples were rinsed twice with PBS, and the images were taken by an 

invert LSM 700 confocal microscope (Carl Zeiss, Jena, Germany) using a 10X objective and 

subsequently explored with open source FIJI platform.  
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Figure S10. MTT stained cells distribution on surface and cross section of the porous hydrogels after 2 days. 
(a,c) 8Cr-Coarse porous hydrogel. (b,d) 4Cr-Fine porous hydrogel. The cells are fairly uniform and penetrate 
inside the hydrogels by employing customized CRIS seeding method (scale bar: 1 mm). 

Day 5 Day 10 

  
  

  
Figure S11. Live/dead staining of cells seeded porous hydrogels at different time points showing a stable cells 
viability up to 10 days of culture (scale bar: 100 µm). (a, b) 8Cr-Coarse. (c, d) 4Cr-Fine. Green stain illustrates 
live cells and red stain shows dead cells.  
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Mechanical stimulation of cell-laden hydrogels in cyclic compression mode 

With the developed dissipative porous hydrogels, we investigated the cells response to cyclic 

compression in a standard loading regime (10% cyclic strain over 10% static strain at 1 Hz). 

In the beginning of 3D culture, the seeded hydrogels were pre-cultured for 3 days in 

proliferation medium (PM) inside a standard incubator (37°C, 5% CO2). After this step, a 

differentiation medium (DM) was used and the mechanical stimulation was applied on the 

different groups of dissipative hydrogels (Figure S12-a). Differentiation medium was PM 

without FBS but having 10% ITS IV (Life Technologies) and 1% Vitamin C. The stimulation 

time was 2 hours per day for a period of 4 days, while the corresponding control group was 

preserved in free swelling condition. Finally, we compared the expression of chondrogenic 

genes between the stimulated and non-stimulated groups of cell-seeded hydrogels. We 

selected, Aggrecan (Acan), Sex-determining region Y box 9 (SOX9) and Collagen type II 

(COL2A) genes for comparing cells response as they are important markers for 

chondrogenesis [11].  

 

Figure S12. Performed in vitro mechanobiological experiment. (a) Schematic plan of the study. (b) 
Aggrecan(ACAN) gene expression shown as mean value with minimum and maximum ranges. Relative ACAN 
expressions are shown for two groups of dissipative hydrogel following free-swelling (control group) or 
mechanical stimulation (treatment group). 

RNA extraction and gene expression 

After the last period of stimulation in the mechanobiological experiment, each sample was put 

in a 2 ml Eppendorf tube containing 300 µl Trizol. Total RNA was extracted using the 

NucleoSpin® RNA (Macherey-Nagel) after a few steps of preparation [10]. Briefly, hydrogels 

were smashed by the polytron (Kinematica AG, Switzerland), while keeping the tube cold on 

dried ice. Then, 100 µl chloroform was added and centrifuged for 4 minutes at 12000 rpm at 

4°C. The aqueous phase was transferred to 2 ml phase lock tubes and centrifuged for an 
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additional 6 minutes at 12000 rpm 4°C. The aqueous phase was carefully transferred to 1.5 

ml Eppendorf tubes and the extraction was completed by adding a RNA carrier and following 

the XS kit protocol. The RNA was quantified using the Nanodrop Lite Spectrophotometer 

(Thermo Scientific) and reverse transcription of 500 ng RNA was carried out for real time 

PCR analysis. Taqman® Reverse Transcription Reagents (Applied Biosystems) were utilized 

for cDNA synthesis in reaction volume of 50 µl containing master mix, random hexamer and 

RNA template. 

Fast SYBR® Green Master Mix (Applied Biosystems) was used for PCR amplification in a 

final volume of 20 μl containing 1 µl of synthesized cDNA. Primers were synthesized by 

Microsynth (Balgach, Switzerland) according to reported sequences in Table S4. Different 

annealing temperature and concentration were used for primers to optimize the process 

resulting in efficiency range of 91 to 110%. The PCR amplification was carried out in 

duplicate for each sample by StepOnePlus Real-Time PCR platform (Applied Biosystems). 

The thermal cycling condition was defined as an initial 95°C step for 2 min followed by 40 

cycles of 95°C for 5s and corresponding annealing temperature of gene (60 to 65°C, Table 

S4) for 30s. Gene expression data were analyzed using the comparative ΔΔCt method [12] 

with B2M as the reference gene [10]. Corresponding free swelling hydrogels in each group 

were used as the biological reference for the stimulated hydrogels (n=4). 

Table S4. Primers data used for qRT-PCR. 

 

Mechanical robustness of porous hydrogels subjected to large deformation 

The structural stability of 4Cr-Fine versus 8Cr-Coarse porous hydrogels in large deformation 

was compared following the application of 70% compressive strain twice (Figure S13).  

Gene 
Anealing 

temp. (°C) 
Primer 

concent. (nM) 
Efficeny 

(%) 
Sequence 

COL2A 60 250 110 
F: 5’- GGCAATAGCAGGTTCACGTACA-3’ 
R: 5’- GATAACAGTCTTGCCCCACTTACC-3’ 

ACAN 62.5 280 91 
F: 5’- GGTACCAGTGCACAGAGGGGTT-3’ 
R: 5’- TGCAGGTGATCTGAGGCTCCTC-3’ 

SOX9 65 200 108 
F: 5’-TGGAAACTTCAGTGGCGCGGA-3’ 
R: 5’-AGAGCAAAAGTGGGGGCGCTT-3’ 

B2M 60 250 100 F: 5’- TATCCAGCGTACTCCAAAGATTCA-3’ 
R: 5’- TGAAACCCAGACACATAGCAATTC-3’ 
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Figure S13. Structural stability of the 4Cr-Fine versus the 8Cr-Coarse porous hydrogels in large deformation. A 
plastic deformation and defects were observed in the 8Cr-Coarse hydrogel after 70% compressive strain, while 
the 4Cr-Fine hydrogel appropriately sustained the large deformation. 
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  A Customized In Vitro Platform for Cartilage Thermo-

Mechanobiology   

 

5-1 Introduction  

Structural organization and mechanical properties similar to the articular cartilage could be 

the eventual outcome of an engineered construct in vitro [1]. However, more effort is still 

required for such achievement and a corresponding clinical translation. To facilitate this 

process, versatile and biomimetic platforms can be employed to optimize cells response with 

respect to biological or biomechanical manipulations [2]. Apart from the influence of 

biological mediators like growth factors, scaffold intrinsic characteristics (surface chemistry, 

topography) and material properties (permeability, viscoelasticity) act in synergy with 

physical cues (culture temperature, mechanical stimulation) to orchestrate chondrogenesis. 

Therefore, careful design of biomaterials properties, cell-scaffold interaction and in vivo like 

stimulation are required to biophysically guide chondrocytes differentiation [2-4].  

One mechanism by which cells may sense the surrounding microenvironment is through their 

integrin interaction with anchored ligands within the extra cellular matrix (ECM) [5]. ECM-

mimetic functionalization of synthetic hydrogels can therefore be adopted to enhance integrin 

mediated mechano-sensing. It is well known that Arginine, Glycine and Aspartate (RGD) 

sequence in ECM proteins such as fibronectin provides attachment sites for integrin receptors 

[6, 7]. Physical adsorption of ECM proteins (mostly fibronectin) and ligand containing 

monomer (mainly RGD) copolymerization are common, relatively easy and fast methods for 

functionalization of inert biomaterials [7-9]. Despite controversial role of ECM-mimetic 

elements in chondrogenic differentiation of cells in free swelling hydrogels [10-14], a 
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chondro-inductive influence was observed for cell-laden hydrogels containing RGD in 

presence of dynamic loading [15, 16].  

The lack of control on ligands availability on the interface to provide exposed attachment sites 

for cells and deterioration of bulk mechanical properties are the main issues of 

functionalization approaches [7, 17]. In addition, the inadequate binding strength of non-

specific adsorption process is not reliable to provide cell-interface interaction for an entire 

culture time in case of simple coating. Alternatively, covalent bio-conjugation of ECM analog 

motifs such as RGD on the exposed surfaces of a pre-formed scaffold can overcome these 

limitations [18]. In this context, successful immobilization of biological ligands were reported 

for pHEMA based materials thanks to its reactive hydroxyl elements [19-21]. However, the 

influence of this post-polymerization process on mechanical properties of a cross-linked 

pHEMA structure should be carefully minimized. Only in this condition the developed fatigue 

resistant visco-porous hydrogel (see chapter 4) can be biologically functionalized while 

preserving its biomechanical characteristics.  

Temperature increase due to dissipated energy following cyclic loading is an established 

observation for viscoelastic materials [22, 23]. Since articular cartilage is a poro-viscoelastic 

tissue with high dissipative capacity, temperature increase following joint loading could occur. 

Self-heating phenomenon in cartilage tissue following dynamic loading has been evaluated 

both numerically and experimentally. With a finite element analysis, Moghadam et al have 

shown that the power of heat generation in articular cartilage submitted to cyclic compression 

(15% strain at 1.5 Hz) can gradually increase the tissue temperature [24]. In addition to this 

in silico result, the in vivo measurements inside intra-articular region of knee joint have shown 

a temperature rise from 32°C to 38°C following one hour of jogging [25]. A temperature 

evolution of about 4°C after one hour of walking was also predicted by a simplified heat 

transfer model for cartilage [26].  

Despite existing evidence that chondrocytes can experience different thermal environments 

subsequent to joint loading, in vitro mechanobiological experiments usually consider a 

constant culture temperature (37°C) during mechanical stimulation. In particular, the 

measured temperature of knee cartilage at rest has been reported to be around 32-33°C [25, 

27], which is 4-5°C lower than conventional culture temperature. In this context, only a few 

studies have shown the influence of culture temperature on chondrocytes biological response 

in 2D or 3D pellet conditions without any external loading. In a recent study by Ito et al for 
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monolayer and pellet culture conditions [28], it was observed that culture at 41°C significantly 

decreases cells metabolic activity and chondrogenesis compared to both 32 and 37°C 

temperatures. In addition, higher metabolic activity for 32°C condition was observed contrary 

to a better chondrogenic differentiation at 37°C. Similar conclusions were drawn for human 

chondro-progenitor cells cultured at 33 and 37°C in 2D culture condition [29]. Yet, to the best 

of our knowledge, it is not clear how the dynamics of temperature increase may contribute to 

the chondrogenesis in cell-laden hydrogels either in free swelling or in synergy with cyclic 

loading. As self-heating links the temperature increase to cyclic deformation, studying 

cartilage thermo-mechanobiology opens the opportunity to identify different aspects of the 

energy dissipation (mechanical, thermal or their combination) on chondrocytes behavior.  

The aim of this chapter is to present the development of a customized biomimetic in vitro 

platform to study cartilage thermo-mechanobiology. To induce a stable cell-scaffold 

interaction, we firstly functionalized previously developed fatigue resistant porous hydrogels 

via bio-conjugation of RGD peptides. This ligand grafting technique was realized in two steps 

for functional group activation and peptide binding while maintaining the desired mechanical 

properties of the hydrogels. In addition, a modular home-made compression bioreactor was 

designed to control the applied stress/strain and temperature scheme during culture of cell-

laden hydrogels. By employing this customized in vitro system, we could emulate the in vivo 

knee cartilage thermo-mechanical environment and for the first time investigate synergetic or 

decomposed effects of temperature and loading on cells biophysical response.  

5-2 Materials and Methods  

5-2-1 Functionalization of dissipative hydrogels by grafting RGD peptides 

A previously reported method for functionalization of pHEMA brushes [19, 21] was modified 

to maintain the structural integrity of crosslinked pHEMA based hydrogels during RGD 

peptides conjugation. Briefly, the pendant hydroxyl groups of pHEMA hydrogels were firstly 

activated by using 4-nitrophenyl chloroformate (NPC). For this purpose, lyophilized 

hydrogels were vacuum-swelled in the freshly prepared activation mixture of 1.41 g NPC in 

15 ml acetone and 1 ml distillated triethylamine. The samples were shacked in the solution for 

1 hours at room temperature to fulfill activation process. The samples were then extensively 

rinsed with acetone and methanol several times to remove excess NPC. After the washing 

steps, the NPC-activated samples were transferred to the methanol solution containing 1 mM 
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RGD peptides and 2 mM 4-dimethylamino-pyridine. To complete the functionalization 

process, the samples were incubated overnight at room temperature under gentle shaking in 

the reactor covered with an aluminum foil. The RGD functionalized samples were then rinsed 

three times with pure methanol for 2 minutes. To ensure removal of any non-reacted NPC 

group, the samples were incubated in 0.5 M solution of ethanolamine in methanol for 20 

minutes under gentle shaking. The samples were finally rinsed several times with methanol 

and bi-distillated water to wash non-specifically adsorbed peptides and entrapped NPC 

molecules inside the porous hydrogels.  

	

 

Figure 1. Bio-conjugation process for functionalization of pHEMA based hydrogels. (a) Schematic of RGD 
binding on pores surface of dissipative hydrogels. (b) Chemical representation of the applied two-step process 
of hydroxyl (OH) group activation and peptide immobilization. 

5-2-2 Development of a customized bioreactor for thermo-mechanobiological study 

The bioreactor chamber was custom designed as shown in Figure 2 and supplemented with 

commercial and off-the-shelf modules for controlling the different environmental signals 

(Figure 3). Briefly, a thermo-foil heater is embedded below an aluminum conductive plate 

(Figure 2-d) containing 12 stainless-steel wells (Figure 2-c) for hydrogels culture. The control 

signal for heater is provided by a microprocessor (Minco-CT16A, Minnesota, USA) based on 

a closed loop approach [30] while measuring culture temperature by a miniature RTD sensor 

(Minco-S308). The set-up is compatible with an Instron uniaxial loading machine (Instron-

E3000, Massachusetts, USA) to apply the mechanical loading. The bioreactor is fixed to the 

Instron apparatus at its base by a support, and is stimulated from above by a set of pistons 

attached to the actuator through an adaptor with adjustable embedded screws (Figure 2-b). 

Additionally, the CO2/O2 concentration and humidity inside the chamber are regulated by an 

external gas mixer (ibidi-Gas Incubation System, Martinsried, Germany) injecting humidified 

gas into the bioreactor. To maintain sterility, the wells are isolated with perforated solid caps 

(a) 

(b) 
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covered with filters (OpSite Flexigrid, Smith &Nephew, Hull, UK) from the outside 

environment to protect the samples from contamination while still allowing gas exchange. A 

flexible silicon support is also employed to keep the sample in the central region of the well 

during cyclic compression (Figure 2-c). 

	 	

	

	
Figure 2. Custom-designed bioreactor chamber containing 12 wells for culture. (a) Assembled chamber 
compatible with Instron E3000 loading device to apply cyclic compression and desired heat supply while 
maintaining sterility and predefined gas concentration. (b) Different parts of the bioreactor chamber including 
adjustable loading system with an embedded screw, chamber cap with different inlets, wells holder/carrier, water 
bath, chamber base and support. (c) Elements of a well inside the bioreactor chamber. The sample (colored rose) 
is placed on a thermoplastic base (black part) allowing convection of heated fluid from the bottom of the well 
(transparent gray part). The sample is kept in the central region by a silicon support (shown in white) during the 
cyclic loading by a piston (colored blue). The filter-containing perforated cap (transparent brown part) of the 
well, guids the piston while avoiding contamination of the culture medium. (d) Elements inside the base chamber 
including heat isolator (colored black), aluminum conductive plate (silver), thermo-foil heater (orange) and its 
clamper (gray). 

	
Figure 3. Conceptual design of the modular bioreactor for thermo-mechanical stimulation of cell-laden 
hydrogels. The different modules were employed to control the mechanical loading, the culture temperature, 
humidity and the CO2/O2 concentration.  

(a) (b) (c) 

(d) 

detail 
in (d) 

detail 
in (c) 
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The Minco-CT16A device is equipped with a proportional–integral–derivative (PID) 

controller that enables the system for static or dynamic regulation of the temperature within 

the wells. In the developed system, the error signal between the measured medium temperature 

(Tf) and desired temperatures (Td) is continuously scaled by the PID coefficients (Kp, Ki & 

Kd) and generates the control signal for the Mica heater (Minco-HM6975). The parameters of 

the PID controller can be tuned experimentally based on the standard Ziegler-Nichols method 

[30]. The controller is capable of programming up to 16 independent ramp segments to 

emulate the desired temperature profile. To minimize the temperature gradient within the 

sample from bottom to top due to conduction, an Acetal based thermoplastic (POM-C) was 

incorporated as the seat of samples within the wells while allowing convection of heated fluid 

(Figure 2-c).  

5-2-3 In vitro culture and biological evaluations 

Human epiphyseal chondro-progenitor cells were expanded in 2D culture according to 

standard cell culture protocols [31] before seeding them into porous hydrogels. Hydrogels 

were sterilized in methanol for 2 hours and cells (1.5 million per sample) were infused into 

them by an optimized compression released induced suction method [32]. MTT staining Kit I 

(Roche) was used to control the cell distribution and Viability Assay Kit (Biotium) was 

applied for live/dead evaluation according to the manufacturer protocols. By using the MTT 

reagent, the purple formazan is produced due to the cells metabolic activity and therefore 

reveals cells distribution within the hydrogels. Viability assay was performed via a cell-

permeable dye (calcine) for staining of live cells and a cell-impermeable dye (ethidium 

homodimer) for staining of dead cells having a damaged cell membrane.  

The Hoechst 33258 dye (ThermoFisher Scientific) was employed for DNA quantification to 

evaluate the impact of hydrogels functionalization on cells attachment. Briefly, the pure and 

RGD-modified hydrogels (with and without cells) were cut in small pieces and incubated 

overnight inside 600 ml papain digestion buffer at 65°C. Then, by dilution of 10 µl of digested 

solution in 140 µl of the dye (0.2 µg/ml), the emission signal of samples was measured at 460 

nm by a Wallac microplate reader after excitation at 355 nm. The DNA content of the samples 

was finally determined by using a standard curve extracted from sequential dilutions of Calf 

Thymus DNA (ThermoFisher Scientific) as calibrators. Prestoblue viability kit (ThermoFisher 

Scientific) was also used to monitor the cells proliferation inside the hydrogels during culture 

period. To this end, the reagent was 10 times diluted in culture medium and samples were 



 

 
108 

incubated for 100 minutes inside 1 ml of Prestoblue measurement solution. The fluorescent 

signal was then measured in triplicates with Wallac microplate reader for excitation/emission 

wavelengths of 544/590 nm, respectively. 

The effect of the different static temperatures on cell-hydrogel constructs were evaluated by 

culturing identically prepared samples in two incubators (i.e., 37°C or 33°C and 5% CO2 for 

both) in free swelling condition for a period of 8 days. In parallel, the effect of dynamic 

temperature increase was also studied for free swelling and mechanically stimulated cell-laden 

hydrogels by using the custom-developed bioreactor. For this purpose, after the seeding step, 

all samples were pre-cultured for 3 days in proliferation medium inside one incubator (32°C 

and 5% CO2). After this step, a differentiation medium was used and the thermal (32 to 39°C), 

mechanical (10% pre-strain, 10% amplitude at 1 Hz) or thermo-mechanical (their 

combination) stimulation were applied on samples starting from day 4. Three intermittent 

stimulations in alternate days were applied on the treated groups for 2 hours inside the 

bioreactor. The gradual temperature increase was obtained by extrapolation of the measured 

data inside intra-articular region of the knee during jogging obtained from a previous study 

[25]. 

Total RNA was extracted using the NucleoSpin® RNA (Macherey-Nagel) after a few steps 

of preparation [33]. Briefly, samples were put in a 2 ml Eppendorf tube containing 300 µl 

Trizol. Hydrogels were smashed by the polytron (Kinematica AG, Switzerland), while 

keeping them cold on dried ice. Then, 100 µl chloroform was added and centrifuged for 5 

minutes at 12000 rpm at 4°C. The aqueous phase was transferred to 2 ml phase lock tubes and 

centrifuged for an additional 5 minutes at 12000 rpm at 4°C. The aqueous phase was carefully 

transferred to 1.5 ml Eppendorf tubes and the extraction was completed by adding a RNA 

carrier and following the XS kit protocol. The RNA was quantified using the Nanodrop Lite 

Spectrophotometer (Thermo Scientific) and reverse transcription of 750 ng RNA was carried 

out using Taqman® Reverse Transcription Reagents (Applied Biosystems, Massachusetts, 

USA). Fast SYBR® Green Master Mix (Applied Biosystems) was used for PCR amplification 

in a final volume of 20 μl containing 10 ng of synthesized cDNA. The PCR amplification was 

performed for each sample by StepOnePlus Real-Time PCR device (Applied Biosystems) 

using specific primers for different genes (Table 1). The cycling steps were defined as an 

initial 95°C for 2 min followed by 40 cycles of amplification. Gene expression data were 

analyzed using the comparative ΔΔCt method [34] with RLP13a as the reference gene [33].  
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Table 1. Primers data used for qRT-PCR. 

 

5-3 Results and Discussion 

5-3-1 RGD functionalization of porous hydrogels 

5-3-1-1 Influence of the conjugation process on hydrogel mechanical properties 

Different activation buffers and radical molecules can be used in a bio-conjugation process 

for synthetic scaffolds functionalization. However, to preserve their biomechanical 

functionality for load-bearing application, the micro structure of the polymeric network should 

be minimally altered. By employing acetone and methanol solvents for activation and peptide 

anchoring steps, the reduction of equilibrium elastic modulus and dissipative capacity of the 

fatigue-resistant hydrogels (see chapter 4) were minimized to around 15% as shown in Figure 

4. We compensated this slight reduction by increasing the initial stiffness of the polymeric 

network (applying 4.75% crosslinking density instead of 4%) to reach the desired value after 

the functionalization process. It is worth mentioning that we firstly employed an established 

functionalization protocol developed for pHEMA brushes [19, 21] for our crosslinked 

hydrogels. This protocol, however, significantly altered the integrity of the hydrogels structure 

and substantially reduced the stiffness and dissipative capacity by more than 50%. Evidently, 

the increased swelling ratio of the hydrogels in the activation (tetrahydrofuran) and anchoring 

(dimethylformamide) buffers of the standard protocol destroyed the micro structure of the 

crosslinked polymeric network. Acetone and methanol in turn did not significantly change the 

swelling ratio of the crosslinked pHEMA hydrogels and their structural integrity was therefore 

sufficiently preserved. 

Gene 
Primer 

concent. (nM) 
Efficeny 

(%) 
Sequence 

RLP13a 175 104 F: 5’-  AAGTACCAGGCAGTGACAG -3’   
R: 5’-CCTGTTTCCGTAGCCTCATG -3’ 

SOX9 275 108 
F: 5’-TGGAAACTTCAGTGGCGCGGA-3’ 
R: 5’-AGAGCAAAAGTGGGGGCGCTT-3’ 

TWIST1 250 91 F: 5’- AGCAGGGCCGGAGACCTAGATGTCA-
3’ R: 5’- ACGGGCCTGTCTCGCTTTCTCT-3’ 

COL2A 250 110 
F: 5’- GGCAATAGCAGGTTCACGTACA-3’ 
R: 5’- GATAACAGTCTTGCCCCACTTACC-3’ 

COL1A 200 97 F: 5’- CAGCCGCTTCACCTACAGC -3’   
R: 5’-  TTTTGTATTCAATCACTGTCGCC -3’ 
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Figure 4. The influence of the functionalization processes on mechanical properties of 4.75Cr-Fine hydrogels 
(n=3). By minimizing the influence of destructive factors (e.g., increased swelling) during the functionalization 
process, the risk of losing the required degree of stiffness and dissipation of load-bearing hydrogels can be 
managed. 

5-3-1-2 Effect of functionalization on cells adhesion and growth 

Effectiveness of RGD modification process on hydrogels was determined by X-ray 

photoelectron spectroscopy (XPS) analysis of samples and DNA quantification of cell-seeded 

hydrogels. The appearance of an N1s peak at 400 eV in the XPS spectra (Figure 5-a) for 

functionalized samples is the evidence for a successful binding of RGD peptide complex with 

an amide nitrogen atom in its chemical formulation (see Figure 1). As the pure pHEMA 

hydrogel does not contain any nitrogen atom in its molecular structure, no signal was observed 

around 400 eV for non-modified samples. However, the general signal shape and specifically 

carbon and oxygen atom peaks were similar in both groups. In addition, the RGD peptides 

grafting effectively contributed to cell attachment capability of pHEMA hydrogels. As shown 

in Figure 5-b, the DNA content of the functionalized hydrogels after cell seeding was 

significantly higher than the pure control group without RGD motifs.  

To control the efficacy of the sterilization method by ethanol and reconfirm the 

biocompatibility of the hydrogels after using reactive chemical reagents during the 

functionalization process, the cell-laden hydrogels were cultured for 10 days at 32oC and 5% 

CO2 level. The cell proliferation was indirectly assessed by PrestoBlue reagent to qualitatively 

monitor the cells population growth inside the functionalized hydrogels. This resazurin-based 

assay is not toxic and can be employed intermittently to compare the cells proliferation for the 

same samples at different time points [35]. In addition, the live/dead assay was employed for 

cell viability and MTT staining for cell distribution. Indeed, the number of viable cells 

increased over culture period from day 1 (Figure 6-a, d) to day 10 (Figure 6-b, e) indicating a 
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firm attachment and a typical proliferation (Figure 6-c) of distributed cells within the 

functionalized hydrogels. 

	

	
Figure 5. Functionalization evaluation of pHEMA based hydrogel. (a) XPS survey spectra show the Nitrogen 
pick appearing only for samples with RGD peptides containing NH group. (b) DNA content assay for cell-seeded 
hydrogels demonstrated significantly higher cells attachment in RGD functionalized scaffolds compared to pure 
cell-seeded hydrogels (p=0.01, Student t-test, n=3). 

 

	

 

	
	

	

	

Figure 6. Cells viability inside RGD functionalized hydrogels over 10 days of culture at 32oC and 5% CO2 
condition. (a & b) Live/dead staining of cells-laden porous hydrogels at day 1 and day 10 after seeding (green 
stain demonstrates live cells and red stain shows dead cells). (c) PrestoBlue assay with increased signals from 
viable cells during the culture time indicates a typical proliferation for the cell-scaffold constructs (n=4). (d & e) 
Cells distribution on central cross section of the hydrogel disks after 1 and 10 days, respectively. By using an 
optimized compression released induced suction seeding method, the cells can penetrate inside porous hydrogels 
having low permeability. 
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5-3-2 Thermo-mechanical stimulation of cell-laden hydrogels  

5-3-2-1 Influence of static culture temperature 

To merely elucidate the influence of temperature on human chondro-progenitor cells behavior 

inside porous hydrogels, cells proliferation, total RNA and gene expression of samples in 

different culture temperatures were compared. Our results revealed that cells growth (Figure 

7-a) and the amount of extracted RNA (Figure 7-b) were higher when cultured in a condition 

corresponding to knee intra-articular temperature at rest (32-33oC) compared to core body 

temperature (37oC). This indicates that a lower temperature is favorable for cells proliferation 

and metabolism. On the other hand, the expression of chondrogenic markers were 

significantly upregulated for the 37°C condition compared to the 33°C one. Our results for the 

effect of culture temperature on progenitor cell-laden hydrogels are similar to previous works 

focusing on the effect of temperature on human chondrocytes response in monolayer and 

pellet cultures [28].  

	 	

Figure 7. Cells response inside free swelling (FS) RGD functionalized hydrogels at two different temperatures 
(n=3). (a) PrestoBlue assay during 6 days of culture with identical initial condition shows that cartilage 
temperature at rest (33oC) is better for cells proliferation. (b) Total RNA and expression of Sox9 and Col2a genes 
after 8 days of culture with identical initial condition. While amount of extracted RNA as an indicator for cells 
metabolism confirmed PrestoBlue results, the expression of chondrogenic markers is higher at 37°C than 33°C 
demonstrating that a moderately higher temperature is more chondro-inductive.  

5-3-2-2 Simulating temperature increase during cyclic compression 

The scheme of the temperature increase following cyclic compression was modeled by 

equation 1 and its parameters were estimated by a curve-fitting on reported in vivo data during 

jogging (Figure 8-a) [25].  

1 		 	 	 	 	 	 	 	 1 	

The temperature evolution model predicted around 7oC rise after two hours of physical activity 

with a good correlation coefficient (R=0.95) when using A= 31.62°C, B=7.99°C and 
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c=0.023s-1 in equation 1. The heater controller was tuned to regulate the culture temperature 

defined by sequential ramps with different slops according to the model prediction. The error 

between desired and realized temperatures was less than 0.5oC when the PID coefficients were 

set as KP=15, KI=53.9, PD=4.04. After transferring the samples into the bioreactor chamber 

once they were prepared under the laminar hood, a preconditioning phase is applied for 25 

minutes (Figure 8-b) to reach the steady-state culture condition of 32oC and 5%CO2. 

Following this step, the treated group is mechanically stimulated while the control group rests 

under free swelling condition. During the stimulation phase, the temperature was kept constant 

at 32oC for one batch and evolved to 39oC in the other batch. Figure 8-c shows the 

implementation of thermo-mechanical stimulation with the developed tailor-made bioreactor. 
	

	

	
Figure 8. Prediction and implementation of the temperature increase according to experimental data. (a) The 
measured intra-articular temperature following jogging activity as reported in [25] and exponential fitted curve 
to predict the temperature evolution during 2 hours of cyclic compression. (b) Simulation of the temperature 
increase during cyclic compression with the developed bioreactor after a preconditioning phase. During the 
preconditioning, the temperature of the medium inside the culture wells reaches 32oC after 20 minutes to emulate 
the cartilage temperature at rest. Meanwhile, the humidified gas injection provides a stable 5% CO2 and 80% 
humidity inside the chamber. After 25 minutes, the mechanical stimulation starts and the temperature can either 
be evolved according to the prediction of the curve fitted data or be kept constant during the cyclic compression 
period. (c) Implementation of thermo-mechanical stimulation by the custom-made bioreactor. 
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5-3-2-3 Evaluation of cells viability during the thermo-mechanical stimulation 

To control how cells react to dynamic temperature increase and cyclic loading, the viability 

of cells were assessed before and after the two hours thermal and thermo-mechanical 

stimulation. Our results showed that the cells viability within the hydrogels is preserved after 

the applied stimulations. However, some cells detached from the hydrogel following a 7oC 

temperature increase in both non-functionalized (Figure 9-b) and functionalized (Figure 9-e) 

samples compared to their control groups at 32oC (Figure 9-a and d). Interestingly, when 

cyclic compression was combined to the temperature rise, the cells were noticeably detached 

in pure hydrogels without RGD motifs (Figure 9-c). The hydrogels with grafted RGD ligands, 

on the other hand, maintained cells attachment during thermo-mechanical stimulation (Figure 

9-f). Therefore, ECM-mimetic hydrogels not only increased cells attachment in static culture 

(Figure 9-d vs. 9-a, and Figure S1) but also better preserved the cells-hydrogel interaction 

following an applied stimulation.  

	 Control at 32oC Thermal Stim. (32 to 39oC) Thermo-Mech. Stim.  
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Figure 9. Cells viability and attachment before and after thermo-mechanical stimulation inside bioreactor for 
non-functionalized (top) and RGD functionalized (bottom) porous hydrogels. (a , d) Cells viability for free-
swelling samples at 32oC. (b , e)  Cells viability for free-swelling samples subjected to thermal stimulation with 
temperature increase from 32 to 39oC during 2 hours. (c , f)  Cells viability after thermo-mechanical stimulation 
during 2 hours of 10 % cyclic compression at 1 Hz over 10% pre-strain along with temperature increase from 32 
to 39oC. 
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5-3-2-4 Synergetic effect of thermo-mechanical stimulation on cells behavior 

In general, the expression of chondrogenic markers was enhanced by the applied intermittent 

biophysical stimulus in all groups as shown in Figure 10-a,b and c. In particular, a positive 

synergetic effect following thermo-mechanical stimulation was observed through an increased 

expression for Sox9 as the master regulator of chondrogenic differentiation process [36, 37]. 

In parallel, Twist1, which is known as chondrogenesis inhibitor [38, 39],  had its expression 

significantly downregulated following the thermo-mechanical stimulation (Figure 10-b) 

compared to mechanical and thermal stimulus alone. While still a promoter, synergetic 

condition was not as effective as individual mechanical or thermal stimuli for Collagen type 

2 (Col2a1) transcription (Figure 10-c). The obtained results indicated that pure mechanical 

stimulation is a better promoter for Col2a1 gene expression compared to thermal or thermo-

mechanical stimulus. However, the large variation of Col2a1 expression made it difficult to 

draw a firm conclusion from the performed experiment. In addition, it seems that the 

mechanical stimulation could slightly improve the chondrogenic phenotype as evaluated by 

the Col2a1/Col1a1 differentiation index [15, 40] contrary to the negative impact of the thermal 

stimulation (Figure 10-c). These two opposing effects almost compensated each other in case 

of thermo-mechanical stimulation. Interestingly, even intermittent temperature rises for a 

short duration (2 hours) had a positive impact on cells chondrogenic expression (Figure 10-a, 

b & c) similar to a continuous culture of free-swelling samples in higher temperature (c.f. 

Figure 8). Collectively, the synergetic effect of thermo-mechanical stimulation on 

chondrogenesis was more complex than simply additive.  Given the transient nature of the 

chondrogenic markers to an applied stimulation [41], analysis of results at different time points 

could help to better evaluate the gene expression profile. Additionally, the experiment with 

more replicates (e.g., n=6 instead of n=3) for each group is necessary to reduce the observed 

variability. 

As shown in Figure 10-d, cyclic compression seems to favor cells metabolism as the total 

RNA is slightly higher in mechanically stimulated groups than corresponding free-swelling 

samples. Nevertheless, the extracted RNA values (Figure 10-d) and evaluation of cells 

metabolic activity by PrestoBlue assay (Figure S2) showed low variation among studied 

groups of intermittent stimuli. Importantly, the total RNA from the samples submitted to 

intermittent thermo-mechanical stimulation presented similar value to free-swelling control 

group at 32°C. This was in contrast to substantial reduction in synthesized RNA and cells 
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proliferation for the conventional culture of samples at 37°C condition compared to 33°C (c.f. 

Figure 8). These findings demonstrate that adjusting the culture temperature at 32-33°C suits 

human chondro-progenitor cells metabolism which is in agreement with the results obtained 

for human and porcine chondrocytes in previous works [28, 42]. In parallel, the chondrogenic 

differentiation can be promoted by intermittent thermo-mechanical stimulation. 

 

	 	

	
	

Figure 10. The effect of thermo-mechanical stimulation on cells biophysical response. (a-c) The expression of 
chondrogenic markers in different experimental groups (n=3). While a synergetic effect of thermo-mechanical 
stimulation can be observed for Sox9 and Twist1 gene expression, pure mechanical stimulation is a better 
promoter for Col2a1 gene expression. In addition, it seems that the mechanical stimulation can slightly increase 
the Col2a1/Col1a1 index contrary to thermal stimulation. (d) Total extracted RNA in different experimental 
conditions showed a slight difference between studied groups. 
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5-4 Conclusion 

Considering the self-heating phenomenon in knee cartilage following a physical activity, a 

customized biomimetic in vitro platform was developed to study the cartilage thermo-

mechanobiology. To enhance cells-scaffold interaction, a method was developed to graft RGD 

motifs onto the pores of dissipative hydrogels with minimal alteration of their structural 

integrity. It was shown that the required range of mechanical properties for load-bearing 

applications can be met following the bio-activation of the inert synthetic hydrogels. Not only 

cells adhesion was improved within the developed functionalized hydrogels, but also the cells-

hydrogel interaction was better preserved following the mechanical stimulation. A modular 

bioreactor was also designed to independently control the applied stress/strain and temperature 

profile on cell seeded-hydrogels to emulate in vivo like stimulation. The influence of dynamic 

mechanical, thermal and thermo-mechanical stimuli was then evaluated using this tailored 

bioreactor. Most importantly, expression of the transcription factor Sox9 as an early 

chondrogenic marker was increased and complementarily the expression of Twist1 as 

inhibitor of chondrogenesis was reduced by means of synergy in mechanical and thermal 

stimuli. In addition, total RNA as an indicator for cells metabolism was minimally varied by 

intermittent thermo-mechanical stimulation when culture baseline temperature was set at 32°C 

(knee temperature at rest) contrary to significant decrease of total RNA for continuous 

incubation of cells at 37°C (core body temperature). While the aspect of temperature increase 

due to energy dissipation could have opposite influences on cells metabolism and 

differentiation, the mechanical effect seems to enhance both. Collectively, intermittent 

thermo-mechanical stimulation as simulation of self-heating phenomenon following joints 

exercise can enhance chondrogenesis while maintaining cells metabolic activity.  

Supporting Information 

Corresponding supplementary data can be found at the end of this chapter. 
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Supplemental Data for Chapter 5 

Comparison of cells attachment and growth on non-functionalized and functionalized 

hydrogels in static culture 

	
Figure S1. Cells adhesion and proliferation were significantly higher in RGD functionalized hydrogels over the 
static culture period compared to non-functionalized samples. 

Metabolic activity of cells seeded into functionalized hydrogels before and after 

applying intermittent stimuli  

 

  

Figure S2. Comparision of metabolic activity of cells inside functionalized hydrogels submitted to different 
biophysical stimuli. (a) Rtaio of PrestoBlue signal at day 7 corresponding to one day after stimulus to day 6 
corresponding to just before applied stimulus. (b) Follow up of the intermittent thermal and thermo-mechanical 
stimuli effects over two days after the applied stimulus at day 8. 
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 Conclusions and Perspectives 

 

6-1 Summary of the thesis and major findings 

From a material standpoint, dissipative capacity is an essential viscoelastic property for a load-

bearing biomaterial to damp the input energy and avoid failure. From a biological point of 

view, evidence is now growing that cells fate can be regulated by viscoelasticity of its 

surrounding microenvironment. Therefore, an interesting potential exists to capitalize on 

dissipation for these two complementary aspects, material and biological, to develop 

functional scaffolds for load-bearing applications.  

With this perspective in view and inspired from cartilage dissipative features, we proposed a 

novel design strategy based on the combination of flow-dependent and flow-independent 

dissipation sources to develop relatively stiff, hysteretic and fatigue-resistant hydrogels. In 

particular, by combining weak physical bonds with strong covalent bonds in hydrogels 

network, different sources of flow-independent dissipation could be incorporated. In parallel, 

fluidic frictional drag dissipation could be applied to the hydrogel system by controlling the 

morphological attributes of its structure. Interestingly, we found that the mechanism of 

dissipation could also play an important role in the chondrogenic differentiation of progenitor 

cells. To further gain insight on the contribution of mechanical hysteresis on cells behavior, 

synergetic influence of temperature and loading on chondrogenesis were studied by means of 

a custom-developed platform as the dissipated energy within the loaded cartilage leads to 

temperature rise.  

We therefore divided the thesis in four successive steps, where in the two first steps we 

developed practical methods for permeability characterization and effective cells seeding as 
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they were contributing to reliably evaluate mechanical and biological aspects in the two 

following steps of this thesis regarding energy dissipation and thermo-mechanobiology. The 

four steps are briefly described in the following paragraphs. 

In the first step, a straightforward method was proposed to directly measure the strain-

dependent permeability of stiff and viscoelastic porous hydrogels. This characterization was 

necessary for two different aspects before proceeding to our next steps. Firstly, permeability 

as an overarching morphological determinant for porous structures can be correlated to 

hydrogels flow-dependent viscoelasticity. Secondly, the strain dependent permeability is a key 

input for numerical modeling of biphasic material to perform a valid simulation. Direct 

permeability measurements demonstrated significant decrease in the permeability of the 

scaffolds with finer pores while the total porosity was maintained. Applied compressive strain 

also considerably decreased the permeability compared to strain-free condition. It was shown 

that the trend of the permeability decrease with compressive strains could be different 

depending on the range of pores size within the scaffolds. This observation confirmed the 

importance of direct characterization rather than relying on indirect evaluations (e.g. using 

exponential function proposed for cartilage based on void volume fraction). The release of 

compression-induced fluid pressure was also correlated to permeability in the stress relaxation 

experiment.  

As a second step, we developed a practical cell seeding protocol leading to uniform 

distribution of cells inside dissipative scaffolds presenting different morphological features. 

This step was an a priori requirement for our in vitro studies to ensure the cell-seeding process 

effectiveness and reproducibility. For this purpose, the compression release-induced suction 

(CRIS) technique was optimized by employing a poroelastic model and supplemented by a 

slow rotation after seeding treatment. This dynamic incubation, after optimized CRIS, 

enhanced cells penetration and distribution, especially for scaffolds showing low 

permeability. An experimental design was then performed to identify the relative importance 

of the contributing factors to the outcome of the developed cell-seeding technique. This 

systematic analysis indicated that the scaffold’s permeability is the most significant factor for 

both cell seeding efficiency and cells distribution compared to coating and thickness. Since 

scaffold permeability directly influences cells distribution and infusion depth, it can constrain 

the design of cells-penetrable hydrogels with major flow-dependent dissipation source. 
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In the third and central step of the thesis, the intrinsic hydrogel dissipation was supplemented 

with a flow-induced drag dissipation to develop fatigue-resistant heteroporous hydrogels 

presenting similar range of compressive stiffness, dissipation and water content to cartilage. 

Permeability of the hydrogel was introduced as an agent for flow-dependent dissipation and 

hydrogel’s material composition for intrinsic network dissipation. We discovered that stiffness 

and dissipative capacity of a heteroporous hydrogel with a water content similar to the 

cartilage (~70%) are significantly higher than corresponding conventional hydrogels. While 

hydrogels having a dissipation mainly originating from non-destructive processes presented a 

preserved hysteresis with a robust load support performance, the hysteresis loop in hydrogels 

with destructive dissipation source was shrinking over the fatigue loading cycles resulting in 

a reduced load support capability. By employing an iterative optimization process, a reliable 

poro-viscoelastic model was then developed for two types of hydrogels having the same level 

of energy dissipation while arising from different sources. It was shown that the release of the 

pressurized fluid is effectively contributing to the transient stress in the visco-porous 

hydrogels with low permeability, while flow-dependent viscoelasticity has no influence on 

decaying stress for highly permeable hydrogels. When these dually porous (heteroporous) 

hydrogels were seeded with chondro-progenitors cells and were mechanically stimulated 

under cyclic loading, we observed that the flow-dependent dissipation process favored 

chondrogenesis. These findings indicate that chondrocytes differentiation can be enhanced by 

biophysical cues which mimic more similarly the cartilage extracellular characteristics (poor 

permeability and high fluid pressure). 

In the fourth and last step, a customized biomimetic in vitro platform was developed to study 

the cartilage thermo-mechanobiology. This final step was performed to investigate combined 

and decoupled effects of loading and temperature. In fact, the cartilage hysteresis may 

indirectly influence chondrocytes behavior by rising the tissue temperature following 

conversion of the lost energy to heat. To enhance cell-scaffold interaction, a method was 

developed to graft RGD motifs onto the pores of hybridly crosslinked hydrogels with minimal 

alteration of the structure integrity. It was shown that cell adhesion was improved and cells-

hydrogel interaction following biophysical stimulus was better preserved within the RGD 

functionalized hydrogels. In addition, a modular and tailor-made bioreactor was designed to 

apply compressive load and desired temperature scheme during culture of cell-laden hydrogels 

while CO2/O2 and humidity levels could be controlled. A synergetic effect following thermo-
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mechanical stimulation was observed for increasing Sox9 expression, one of the main 

regulators of chondrogenic differentiation process, compared to thermal and mechanical 

stimulation alone. In parallel, Twist1 which is known as chondrogenesis inhibitor was 

significantly downregulated following thermo-mechanical stimulation. In addition, total RNA 

as an indicator for cells metabolism was minimally varied by intermittent thermo-mechanical 

stimulation when culture baseline temperature was set at 32°C (knee temperature at rest). This 

was in contrast to the situation of a thermal stimulation alone where a significant decrease of 

total RNA was observed for a continuous incubation of cells at 37°C (core body temperature) 

compared to a 32°C culture temperature. Therefore, adjusting in vitro culture temperature at 

32°C and applying a proper thermo-mechanical stimulus can enhance the development of 

engineered cartilage products, contrary to conventional culture of cell-scaffolds constructs at 

37°C.  

6-2 General discussion 

Permeability of 3D biomaterials has considerable effect on solutes transport, and developed 

hydrostatic pressure or velocity fields upon loading [1]. Indeed, different extent of solid-fluid 

interaction can be induced by modulation of the permeability to influence the mechanical and 

biological features of biomaterials. Indirect estimation of permeability by using biphasic 

theory [2, 3] could not be reliable as this method neglects the effect of solid network 

viscoelasticity and tends to follow the time-dependent data by merely optimizing the 

permeability. Similarly, in a poro-viscoelastic model, different combinations of strain 

dependent permeability and intrinsic viscoelasticity can generate the same time-dependent 

behavior which are not necessarily reflecting the real contribution of poroelastic and 

viscoelastic attributes [4, 5]. We showed that the flow-dependent and flow-independent 

mechanical behavior of visco-porous material under loading can be reliably separated thanks 

to a direct characterization of the strain dependent permeability. 

Controlling cell seeding in scaffolds is important in developing tissue engineering products 

which have to be compliant with regulatory aspects necessitating reproducible and consistent 

procedures. There is a growing evidence that sophisticated seeding methods for different 

biomaterials should be employed to optimize the cells infiltration during the seeding process 

[6, 7]. In this context, we showed that numerical simulations and systematic experimental 

design help to identify the key parameters affecting cells infusion inside pre-formed scaffolds.  
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Dissipative capacity is indeed a key attribute for toughness of hydrogels under mechanical 

loading [8, 9]. In load bearing applications, there is a supplemental complexity as the 

dissipation sources must be carefully designed for a robust fatigue performance. Already 

revealed by its name, a hydrogel presents a biphasic composition. The mechanical energy 

dissipation of hydrogels can then be due to flow-dependent and flow-independent processes. 

While frictional drag is critical for biomechanical performances of cartilage tissue [10, 11], 

this flow-dependent source of dissipation is usually overlooked in dissipative hydrogels with 

intrinsic dissipation sources [8, 12, 13]. We therefore designed hybridly crosslinked 

heteroporous hydrogels with nano-meshes and meso-pores to combine reversible dissipation 

sources, either dependent or not on the flow, to simultaneously enhance stiffness, dissipation 

and fatigue performance. With this approach, the total applied stress to the biomaterial is non-

destructively sustained by the flexible solid network of the hydrogel and the pressurized fluid 

entrapped within its poorly permeable structure. 

As already established, the biophysical cues significantly influence the cells response [14, 15]. 

In particular, the function of the chondrocytes within the tissue is controlled through a set of 

fluid and solid related physical cues such as interstitial fluid pressure and transmitted strain 

[11, 16]. The energy dissipation capability of the cartilage tissue originates from intrinsic 

matrix viscoelasticity and interstitial fluid flow [4, 17] and therefore encompass all mechanical 

cues that might regulate cells behavior. Accordingly, dissipation can be considered as a 

relevant functional property to address the mechanobiology of cartilage under physiological 

loading [17]. Matching the dissipative capacity of cell-scaffold construct with cartilage could 

therefore be an overarching feature to simulate a mechano-mimetic niche. While 

fundamentally different processes can generate equal dissipation level, we showed that 

chondrogenesis is favored by preserved sources of dissipation with effective contribution of 

frictional drag force.  

Since articular cartilage is a viscoelastic tissue with high dissipative capacity, temperature 

increase following joint loading could occur [18]. The self-heating phenomenon, therefore, 

links the temperature increase to cyclic deformation. By elucidating thermo-

mechanobiological aspects thanks to the custom-developed bioreactor, different facets of the 

pertinent physical cues (mechanical, thermal or their combination) on chondrocytes behavior 

could be identified. While in vitro studies typically consider a constant culture temperature of 

37°C, our findings in agreement with similar studies [19] suggest that core body temperature 
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(37°C) does not induce proliferation as cartilage temperature at rest (32°C) for cells with 

chondrogenic lineage. In addition, our preliminary results indicated that by intermittent 

thermo-mechanical stimulation, we can still profit from the positive influence of higher 

temperature on chondrogenic differentiation process [19, 20] and simultaneously preserve 

cells metabolism.  

6-3 Perspectives 

Collectively, dissipative capacity of biomaterials is of great importance for their robust 

mechanical performance, and it can generate different physical cues to influence cells 

behavior. Translating the functional role of cartilage mechanical hysteresis in tissue 

engineering scaffolds can therefore open new opportunities to enhance the outcome of 

engineered cartilage and can contribute to the field of regenerative medicine.  

Homogenous fluid phase distribution may lead to isolated chains within the water-rich 

network of conventional hydrogels and can deteriorate their mechanical properties. In 

contrast, the presence of heterogeneous water compartments of different length scales (pore 

and bound water) within constituents of load-bearing tissues such as bones and cartilage 

ensures their mechanical performance (e.g. intra fibrillar and extra fibrillar fluid phases in 

cartilage tissue). There is thus an interesting potential to employ emerging fabrication 

technologies (e.g. additive manufacturing) for manipulating architecture of hydrogels 

structure across multiple length scales for the sake of biomechanical functionality similar to 

the presented concept of a heteroporous structure. 

As shown for the first time in this work, the temperature synergy with mechanical loading 

could be influential on cells behavior. However, identifying the optimal thermo-mechanical 

environment remains to be established. Additionally, the developed bioreactor provides a new 

system to better study the cartilage hemostasis as temperature and loading conditions as well 

as CO2 and O2 levels can be independently controlled. It is known that applying hypoxia 

condition on cells (similar to cartilage tissue) has significant impact on their phenotype and 

biosynthetic activity. Controlling the oxygen tension in conjunction with thermo-mechanical 

stimulation could therefore shed more light on the in vivo chondrogenesis process. 
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Appendix:  Optimization Method 

Particle swarm optimization 

The particle swarm optimization (PSO) technique was firstly developed by Eberhart and  

Kennedy [1] based on an inspiration from the fishes and birds social behavior [2]. 

Accordingly, population of particles update their position within the searching space, to 

find the optimum spot, according to an individual-social compromise between what a 

particle conceives and what society estimates as shown in Figure A1 based on equations 

1 to 3. 

	
Figure A1. The mechanism of searching to find the optimum condition on PSO. The next position of a 
particle is influenced by its present direction (Red arrow), its best history (blue arrow) and the group best 
history (green arrow). 

1 1  (1) 

1 1 	
 

(2) 

1 ∗  (3) 

where: 

 represents the position of an particle. 

 is the velocity of an particle. 

i is the particle’s number in a predefined population size with N particles (we set it to 20). 

t is the iteration number.  

 is a predefined number for maximum iterations to finish the process (we set it to 50), if stoping 
criteria (90% of particles find the same best optimium) was not met . 

1  is the inertia coefficient (reflects influence of current velocity). 

 and  are constant coefficnts to define particles range of wights (we set them to 1 and 0.3, 
respectively). 

C1 is the constant coefficient for cognitive memory as importance of particle’s best (we set is to 1). 

C2 is the constant coefficient for social memory as importance of group’s best (we set is to 1.5) .  
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Performance of PSO technique compared to Genetic algorithm (GA) 

As shown in Figure A2, the PSO searching method converged to an optimal set after 37 

generation with much more better results than the best set of GA routine [3] after 100 

generation while same population number was assigned for both (N=20). 

	

	 	
Figure A2. Comparison of PSO and GA performance to find the optimal set for 4Cr-Fine hydrogel’s stress 
relaxation test at 500 µm/s loading rate. (a) The model prediction for PSO and GA optimal sets after 37 
and 100 generations, respectively. (b) The average of objective function valus for all particles (G average) 
is minimized and converges to the optimal set after 30 generations meaning that most of the particels find 
one optimal set in the searching field. (c) The objective function value for the best agent (G best) in 
pupolation over different generations. 
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