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Synthèse de surfaces bioactives pour le contrôle de la
différenciation des cellules souches

Résumé
La réparation des défauts osseux de taille importante (fracture, tumeur, nécrose de l’os) pour

lesquelles une partie de l’os est manquante et doit être remplacée, demeure un défi important
pour le domaine médical. Des matériaux synthétiques, comme des matériaux céramiques,
métalliques, et polymères, sont ainsi développés comme substituts osseux. Mais ces matériaux
n’interagissent pas suffisamment avec l’os du patient et finissent par être encapsulés par une
couche de tissu fibreux, ce qui peut résulter en une fracture de l’os, de l’implant, ou de l’interface
entre les deux. La recherche vise donc à étudier et comprendre les interactions entre les cellules
et les matériaux, afin de développer des matériaux capables d’interagir avec les cellules, et
de mettre au point des implants combinant un matériau bioactif, des cellules, et des facteurs
bioactifs permettant la reconstruction du tissu osseux.

Dans ce contexte, les cellules souches mésenchymateuses (MSCs) ont gagné en
popularité en médecine régénératrice compte tenu de leur capacité d’auto-renouvellement, leur
multipotence, et leur taux de prolifération élevé. Cependant, une fois extraites du patient et
cultivées in vitro, les MSCs ont tendance à se différencier de manière aléatoire, ce qui conduit
à une population hétérogène de cellules avec laquelle il est difficile de reconstruire un tissu.
Bien que les MSCs soient utilisées en clinique pour le traitement de diverses pathologies, une
meilleure compréhension de leur comportement reste nécessaire pour permettre de contrôler
leur différenciation vers une lignée spécifique et ainsi améliorer leurs performances en clinique.

Les hydrogels ont émergé comme matériaux prometteurs pour la culture cellulaire
puisqu’ils permettent de mimer la matrice extracellulaire naturelle des cellules. Notamment,
de nombreuses études ont évalué l’impact de la rigidité des hydrogels sur la différenciation des
MSCs et ont montré qu’une rigidité proche de celle d’un tissu naturel favorise la différenciation
vers les cellules de ce tissu. Cependant, il est maintenant reconnu que les hydrogels et les tissus
naturels ne sont pas caractérisés uniquement par leur rigidité, mais aussi par leur viscoélasticité.
Or peu d’études ont été menées sur l’impact des propriétés viscoélastiques des hydrogels sur la
différenciation des MSCs (15 articles sur les cinq dernières années via PubMed).

Dans ce projet, il a été montré qu’il était possible de synthétiser des hydrogels
de poly(acrylamide-co-acide acrylique) avec une rigidité et une viscoélasticité contrôlées,
mesurées par compression et par AFM. Cinq hydrogels ont été choisis pour étudier l’impact
des propriétés mécaniques sur la différenciation ostéogénique des MSCs en variant la rigidité
et le pourcentage de relaxation : 15 kPa-15%, 60 kPa-15%, 140 kPa-15%, 100 kPa-30%, et 140
kPa-70%. Il a été montré que la fonctionnalisation de surface de ces hydrogels avec un peptide
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mimétique de la protéine BMP-2 a mené à une forme cellulaire étoilée après deux semaines
de différenciation, sauf pour la rigidité la plus basse (15 kPa). Cette forme cellulaire étoilée
correspondrait à une forme d’ostéocyte, qui est le dernier stade de différenciation ostéogénique
des MSCs, et qui n’a jamais été obtenu in vitro à notre connaissance. De plus, une rigidité
de 60 kPa a mené à une plus forte expression de marqueurs de différenciation ostéocytaires
par rapport à des rigidités de 15 et 140 kPa, pour une même relaxation de 15%. Enfin, la plus
forte expression de marqueurs de différenciation d’ostéoblastes et d’ostéocytes a été observée
pour l’hydrogel présentant 70% de relaxation et une rigidité de 140 kPa. Ceci semble montrer
qu’une viscoélasticité élevée favorise la différenciation ostéogénique des MSCs, même si elle
est associée à une rigidité qui n’est pas la plus favorable. Ainsi, les propriétés viscoélastiques
de la matrice auraient un impact non négligeable sur la différenciation des MSCs et devraient
être considérées à l’avenir.

Mots clés :

Hydrogels, rigidité, viscoelasticité, BMP-2, cellules souches mésenchymateuses,
différenciation ostéogénique, ostéocytes.
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Synthesis of bioactive surfaces for the control of stem cells
differentiation

Abstract
The repair of large bone defects, including large fracture, tumor, and necrosis for which a

part of the bone is missing and has to be replaced, is still a challenge for the medical field.
Synthetic materials, such as ceramic, metallic, and polymeric materials, have been developed
as bone substitutes. However, these materials do not interact with the bone of the patient and
generally end up being encapsulated by a layer of fibrous tissue, that might result in the fracture
of the bone, the implant, or the interface between the two. The research therefore aims at
studying and understanding cell-material interactions in order to develop materials capable
of interacting with cells, and to create new implants combining a carrier material, cells, and
bioactive factors, allowing bone reconstruction.

In this context, mesenchymal stem cells (MSCs) have gained high interest in regenerative
medicine considering their self-renewal ability, multipotency, and high proliferative rate.
However, once extracted from the patient and cultivated in vitro, MSCs tend to differentiate
randomly, which leads to a heterogeneous population of cells with which it is difficult to
reconstruct any tissue. Therefore, although MSCs are used in clinics for the treatment of various
pathologies, a better understanding of their biological behavior is still required to provide the
ability to control their in vitro differentiation into a specific lineage and improve their clinical
performance.

Hydrogels have emerged as promising materials for cell culture as they allow to mimic
the natural extracellular matrix of cells. Particularly, many studies have evaluated the impact
of hydrogels stiffness on MSCs differentiation and showed that a stiffness close to that of a
biological tissue leads to a differentiation towards cells of this tissue. Nevertheless, it is now
recognized that hydrogels as well as biological tissues are not only described by their stiffness,
but also by their viscoelastic properties. However, only few studies have been conducted on the
impact of hydrogels viscoelastic properties on MSCs differentiation (15 articles over the past
five years from PubMed).

In this project, it has been shown that it was possible to synthesize poly(acrylamide-co-
acrylic acid) hydrogels with different controlled stiffness and viscoelasticity, evaluated using
compression and AFM. Five hydrogels have been chosen to study the impact of hydrogels
mechanical properties on MSCs osteogenic differentiation by varying the stiffness and the
relaxation percent : 15 kPa-15%, 60 kPa-15%, 140 kPa-15%, 100 kPa-30%, and 140 kPa-70%.
It has been shown that the surface functionalization of these hydrogels with a mimetic peptide
of the BMP-2 protein led to star-like cells, except for the lowest stiffness (15 kPa). This star-
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like shape would correspond to the shape of osteocytes, which is the last stage of osteogenic
differentiation, and which has never been obtained in vitro to our knowledge. Moreover, a
stiffness of 60 kPa led to a higher expression of osteocyte markers as compared to stiffnesses
of 15 and 140 kPa, for a constant low relaxation of 15%. Finally, the strongest expression of
osteoblast and osteocyte differentiation markers has been observed for the hydrogel with a high
relaxation of 70% and a stiffness of 140 kPa. This shows that a high viscoelasticity would favor
MSCs osteogenic differentiation, even if it is associated with a stiffness that is not the most
favorable. Thus, the viscoelastic properties of the matrix would have a significant impact on
MSCs differentiation and should be considered in the future.

Key words :

Hydrogels, stiffness, viscoelasticity, BMP-2, mesenchymal stem cells, osteogenic
differentiation, osteocytes.
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Synthèse de surfaces bioactives pour le contrôle de la
différenciation des cellules souches

Résumé étendu
La réparation des défauts osseux de taille importante, comme une fracture, une tumeur, ou

une nécrose de l’os pour lesquelles une partie de l’os est manquante et doit être remplacée,
demeure un défi important pour le domaine médical. Les os sont des matériaux composites
puisqu’ils sont composés d’une phase organique, principalement constituée de fibres de
collagène de type I, et d’une phase minérale, formée de cristaux d’hydroxyapatite déposés entre
les fibres de collagène.[1, 2]
Les os contiennent également différents types de cellules comme les cellules souches
mésenchymateuses (MSCs) qui peuvent se différencier en cellules du tissu adipeux
(adipocytes), en cellules du cartilage (chondrocytes), ou encore en cellules osseuses
(ostéoblastes).[3] Les ostéoclastes sont responsables de la résorption de l’os. En effet, ils
sécrètent de l’acide chlorhydrique capable de dissoudre l’hydroxyapatite, et des enzymes
capables de dégrader les protéines.[2] Les ostéoblastes proviennent de la différenciation des
MSCs et leur principale fonction est de synthétiser la matrice extracellulaire osseuse, appelée
ostéoïde, et de promouvoir sa minéralisation.[4] Les ostéoblastes peuvent ensuite se retrouver
encastrés dans l’os et peuvent devenir des ostéocytes. Les ostéocytes forment un réseau tri-
dimensionnel de cellules connectées par leurs dendrites. Puisque les ostéocytes sont distribués
à travers tout l’os, ces cellules ressentent les déformations physiques de l’os.[5] Ceci leur
permet de savoir quand il est nécessaire de résorber ou de former de l’os, et ainsi de réguler
le recrutement des ostéoclastes pour la résorption de l’os et de réguler la minéralisation de
l’os.[6]
La réparation des défauts osseux de taille importante nécessite un remplissage du défaut afin de
retrouver le fonctionnement normal de l’os. Ainsi, la méthode la plus utilisée actuellement pour
le traitement des défauts osseux est la greffe osseuse. La greffe osseuse consiste à prélever du
tissu osseux sain, chez le patient lui-même (greffe autologue) ou chez un autre individu (greffe
allogénique), et de l’implanter au niveau de défaut osseux.[1, 7] Cependant, la greffe autologue
peut causer des complications au niveau du site de prélèvement, comme de la douleur et des
infections, le temps opératoire est allongé, et la quantité d’os disponible est limitée, tandis
que la greffe allogénique peut causer une réaction immunitaire et/ou inflammatoire chez le
patient, qui va nuire à la reconstruction de l’os.[1] Pour pallier ces inconvénients, des matériaux
synthétiques sont développés comme substituts osseux, comme des matériaux céramiques,
métalliques, et polymères. Les matériaux céramiques peuvent intéragir avec l’os du patient et
être bien intégrés dans l’os, ils sont aussi résorbables et peuvent donc être progressivement
éliminés pour laisser place à du nouveau tissu osseux. Mais leur vitesse de résorption est
difficile à contrôler et la fragilité de ces matériaux pose problème pour la réparation des os
qui supportent des charges importantes.[8, 9] Les matériaux métalliques sont moins fragiles
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que les céramiques, mais leur rigidité est généralement très supérieure à celle de l’os, ce
qui peut résulter en un effet de "stress-shielding". Le "stress-shielding" se produit lorsque
l’implant subit les charges à la place de l’os à certains endroits et concentre la charge sur
l’os à d’autres endroits, ce qui peut endommager l’os et/ou l’implant et causer une fracture de
l’un ou l’autre, ou de l’interface entre les deux.[10, 11] Les matériaux polymères présentent
l’avantage d’avoir des propriétés facilement modulables selon l’application souhaitée, mais
leurs propriétés mécaniques sont généralement plus faibles que celles de l’os[12, 13], et, tout
comme les métaux, ces matériaux n’interagissent pas suffisamment avec l’os du patient et
finissent par être encapsulés par une couche de tissu fibreux, ce qui peut résulter en une fracture
de l’os, de l’implant, ou de l’interface entre les deux. Ainsi, les matériaux utilisés actuellement
ne possèdent pas encore toutes les qualités requises pour faire de bons substituts osseux.
Les facteurs de croissance jouent un rôle important dans la modulation de l’activité cellulaire
puisqu’ils peuvent interagir avec les récepteurs cellulaires et ainsi déterminer la réponse
biologique.[14] Parmi les facteurs de croissance impliqués dans la reconstruction osseuse,
les BMPs sont particulièrement étudiées et utilisées, et notamment la BMP-2. La BMP-2
joue un rôle significatif dans la stimulation de la différenciation des MSCs en ostéoblastes,
et dans la transcription de gènes reliés à la formation du tissu osseux.[15] L’utilisation de
BMP-2 recombinante humaine en clinique est actuellement autorisée par l’EMA (European
Medicines Agency) et la FDA (Food and Drug Administration) pour le traitement des fractures
du tibia par exemple.[16] La BMP-2 est généralement administrée contenue dans une éponge de
collagène pour éviter qu’elle ne soit trop rapidement éliminée par le corps, comme c’est le cas
lorsqu’elle est administrée par injection.[16] Cependant, une administration locale de BMP-2 à
une concentration supérieure à la concentration physiologique peut causer des complications,
comme la formation osseuse ectopique, qui est la formation de tissu osseux sur des tissus mous,
donc ailleurs que sur le squelette.[17]
Pour pallier les inconvénients des méthodes actuelles, la recherche vise à développer une
nouvelle stratégie pour la reconstruction tissulaire, appelée ingénierie tissulaire. L’ingénierie
tissulaire est basée sur la combinaison de (1) un matériau support qui mime la matrice
extracellulaire naturelle et qui est biodégradable pour laisser progressivement la place au
nouveau tissu, (2) des cellules ostéogéniques pour former le nouveau tissu, et (3) des agents
bioactifs, comme les facteurs de croissance par exemple, qui vont diriger les cellules vers le
phénotype souhaité et qui vont promouvoir la vascularisation du tissu formé.[18, 19] Un des
défis majeurs pour mettre en place cette stratégie consiste à comprendre et optimiser les
interactions entre les cellules et le matériau pour guider le comportement cellulaire et
obtenir la réponse cellulaire adéquate pour la régénération du tissu.[20, 21, 22]

Pour régénérer du tissu osseux, la première stratégie serait de collecter et d’utiliser des
ostéoblastes car cela permettrait d’obtenir rapidement du tissu osseux. Cependant, la collection
des cellules osseuses peut causer des complications au niveau du site de prélèvement et
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la prolifération des ostéoblastes étant limitée, il est difficile d’obtenir le nombre important
de cellules requis pour régénérer un gros fragment d’os.[20, 23, 24] Dans ce contexte,
les cellules souches constituent un candidat prometteur pour l’ingénierie tissulaire, et plus
particulièrement les MSCs. Les MSCs sont des cellules souches adultes multipotentes qui ont
un taux de prolifération élevé, et qui peuvent se différencier en chondrocytes, adipocytes, et
ostéoblastes.[25] Les MSCs peuvent être isolées de plusieurs tissus comme la moëlle osseuse,
le tissu adipeux, la pulpe dentaire, la peau, le sang de cordon ombilical, et le cartilage par
exemple.[26] Les MSCs issues de la moëlle osseuse sont actuellement les MSCs les plus
étudiées et utilisées de part leur facilité d’accès, leur capacité de prolifération élevée, et le fait
qu’elles jouent un rôle important dans la formation et la réparation du tissu osseux.[20, 27] La
différenciation ostéogénique des MSCs passe par différents stades. Les MSCs sont d’abord dans
une phase de prolifération lorsqu’elles s’engagent vers des cellules pré-ostéoblastiques. Ensuite,
les pré-ostéoblastes maturent en ostéoblastes, qui présentent une prolifération réduite, et qui
sécrètent et minéralisent la matrice extracellulaire. Une fois la matrice extracellulaire formée,
les ostéoblastes peuvent être inclus dans la matrice et devenir des ostéocytes.[2, 4, 28, 29]
Les MSCs issues de moëlle osseuse ont été testées en clinique pour la régénération du squelette
après diverses fractures ou pathologies, comme l’arthrose, les fractures qui ne guérissent pas,
les fractures dues à l’ostéoporose, la nécrose de l’os, ou encore l’inégalité de la longueur
des jambes.[30, 31] Les MSCs sont généralement administrées par injection d’aspirat de
moëlle osseuse ou par injection de MSCs cultivées in vitro.[30] Plusieurs dispositifs médicaux
contenant des MSCs sont actuellement utilisés en clinique pour le traitement de diverses
pathologies comme l’arthrose, l’infarctus du myocarde, la réaction d’une greffe contre l’hôte, ou
encore la reconstruction de défauts du squelette.[30, 32] Pour une application en régénération
osseuse, le but serait de faire se différencier les MSCs en ostéoblastes afin de reconstruire la
matrice osseuse. Cependant, quand les MSCs sont extraites et cultivées in vitro pour les faire
proliférer, elles ont tendance à se différencier de manière aléatoire, ce qui donne une population
hétérogène de cellules.[3, 33, 34] Ainsi, ce travail de thèse vise à essayer de contrôler la
différenciation ostéogénique des MSCs afin d’obtenir une population homogène de cellules.
Ceci passe par la conception d’un matériau interagissant avec les cellules et favorisant une
différenciation vers la lignée ostéoblastique.
Alors que la compréhension actuelle des processus cellulaires est principalement basée sur
des expériences menées sur des matériaux plats et rigides, comme le polystyrène et le
verre, il est devenu évident que ces matériaux ne sont pas représentatifs de l’environnement
physiologique des cellules et que le développement de systèmes de culture plus représentatifs
de l’environnement naturel des cellules in vivo est nécessaire.[35] Ainsi, les hydrogels ont
émergé comme matériaux prometteurs pour la culture cellulaire puisqu’ils permettent de mimer
la matrice extracellulaire naturelle des cellules. En effet, les hydrogels sont des réseaux tri-
dimensionnels formés par la réticulation de polymères hydrophiles, ce qui leur donne la capacité
d’absorber de grandes quantités d’eau et ainsi de mimer les tissus biologiques.[36, 37, 38]
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Les polymères utilisés pour la fabrication des hydrogels peuvent être des polymères naturels,
comme l’alginate, le collagène, le chitosan, la gélatine, l’acide hyaluronique, la cellulose et
l’agarose. Ces polymères sont abondants, biocompatibles, et certains d’entre eux possèdent
des sites qui leur permettent d’interagir avec les cellules. Cependant, ces polymères présentent
quelques désavantages comme le manque de stabilité, des propriétés mécaniques basses et
une dégradation rapide.[36] De manière différente des polymères naturels, la chimie des
polymères synthétiques est modulable, ce qui offre la possibilité d’optimiser les propriétés
physico-chimiques et mécaniques des hydrogels à base de polymères synthétiques en fonction
de l’application visée.[36] Les polymères synthétiques les plus utilisés pour la fabrication
d’hydrogels sont le polyacrylamide, le poly(éthylène glycol), le poly(alcool vinylique) et
le poly(méthacrylate d’hydroxyéthyle). Cependant, le manque de sites d’adhésion pour les
cellules, le manque de biocompatibilité et les produits de dégradation potentiellement toxiques
sont des inconvénients des polymères synthétiques.[39]

Les hydrogels constituent un outil puissant pour évaluer les interactions entre les cellules et
le matériau, en étudiant la réponse des cellules à différentes caractéristiques du matériau, comme
la topographie, la porosité, les propriétés mécaniques, et la présentation et la distribution de
biomolécules. La possibilité d’encapsuler les cellules dans les hydrogels permet également de
comparer le comportement cellulaire entre un environnement en deux ou trois dimensions.[36]
Il a été montré dans la littérature que la topographie de surface des hydrogels influence
l’adhésion et la différenciation des MSCs. En effet, la réalisation de sillons sur l’hydrogel
entraine l’alignement des cellules le long des sillons[40, 41], ce qui pourrait favoriser
une différenciation en cellules neuronales[40], tandis que des pilliers favorisent l’étalement
des cellules et la différenciation ostéogénique.[40] La rugosité de surface du gel peut
aussi influencer la différenciation des MSCs, puisqu’il a été montré que la différenciation
ostéogénique des MSCs est optimale pour une rugosité de surface de 500 nm pour un gel avec
une rigidité de 31 kPa.[42]
S’inspirant de la tridimensionnalité de l’environnement naturel des cellules, des études ont
été menées dans le but de comparer le comportement des MSCs lorsqu’elles sont cultivées
en 2 dimensions, i.e. à la surface du gel, ou en 3 dimensions, i.e. encapsulées dans le gel.
Tout d’abord, l’encapsulation des MSCs dans des hydrogels dans lesquels les cellules sont
entièrement encapsulées et immobilisées en contact avec le substrat s’est révélée favorable à la
différenciation chondrogénique.[43, 44] En effet, l’encapsulation en 3D conduit à des cellules
qui présentent une morphologie ronde et favorise les interactions entre les cellules, ce qui mène à
l’obtention de chondrocytes.[43, 45, 46] Une étude a montré que l’encapsulation de MSCs dans
des gels avec une réticulation permanente (qui ne peut pas être clivée par les cellules) mène à
des cellules rondes et favorise une différenciation adipogénique, tandis que pour un hydrogel
avec une réticulation qui peut être clivée par les cellules, une différenciation ostéogénique est
favorisée grâce à la possibilité pour les cellules de déformer la matrice et de s’étaler.[47, 48]

X



Les cellules peuvent également être encapsulées dans des gels macro-poreux, c’est-à-dire qui
présentent des pores interconnectés avec une taille de pore de l’ordre de la taille d’une cellule ou
supérieure (>50 µm).[49] Il a été montré que l’étalement et la différenciation ostéogénique de
MSCs était plus importante pour des gels avec des pores orientés de manière aléatoire qu’avec
des pores lamellaires parallèles entre eux.[50] Il a également été montré qu’un gel avec une
porosité de 40% augmente la viabilité cellulaire et la différenciation ostéogénique des MSCs
par rapport à une porosité de 0% ou 20%, grâce à un meilleur transfert des nutriments à travers
le gel.[51]
De nombreuses études ont évalué l’impact des propriétés mécaniques des hydrogels sur la
différenciation des MSCs, et notamment de la rigidité, et ont montré qu’une rigidité proche
de celle d’un tissu naturel favorise la différenciation vers les cellules de ce tissu. Ainsi, les
différenciations neurogénique[52, 53] et adipogénique[54, 55, 56] sont prédominantes sur
des matrices à faible rigidité (de 0.1 à 5 kPa), la différenciation myogénique est encouragée
pour des rigidités entre 8 et 40 kPa[52, 53, 55], alors que la différenciation ténogénique est
favorisée entre 30 et 50 kPa.[57] Les résultats obtenus pour la différenciation chondrogénique
et ostéogénique sont plus hétérogènes, avec une différenciation chondrogénique rapportée à la
fois pour des faibles rigidités (0.5 - 1.5 kPa)[58, 59] et des matrices plus rigides (80 kPa)[60],
et une différenciation ostéogénique mentionnée pour une large gamme de rigidités allant de
1.5 kPa à 190 kPa[52, 54, 56, 61], bien qu’elle soit majoritairement mentionnée entre 20 et
60 kPa.[52, 55, 56, 57, 58, 62, 63] En effet, il faut bien distinguer la rigidité de l’os, qui
est très élevée, de l’ordre de 30-50 GPa pour l’os cortical[11], de la rigidité de la matrice
extracellulaire osseuse produite par les ostéoblastes, qui serait de l’ordre de 30 kPa[52].
Les MSCs sont capables de sentir la rigidité du substrat en exerçant des forces contractiles
sur la matrice grâce aux récepteurs cellulaires comme les intégrines par exemple.[64] Ainsi,
selon la rigidité du gel, les forces exercées par les cellules sont différentes, ce qui conduit à une
morphologie cellulaire et une organisation du cytosquelette différentes. Le cytosquelette étant
relié au noyau, une organisation différente amène à une expression des gènes différente et donc
à une différenciation différente.[65, 66] Cependant, il est maintenant reconnu que les hydrogels
et les tissus naturels ne sont pas caractérisés uniquement par leur rigidité, mais aussi par leurs
propriétés viscoélastiques. Par exemple, il a été montré que la différenciation adipogénique,
myogénique et ostéogénique étaient favorisées en augmentant le module visqueux des gels (de 1
à 130 Pa) pour une rigidité constante à 5 kPa.[67] Une autre étude a montré que la différenciation
adipogénique des MSCs était favorisée pour une rigidité de 9 kPa et des temps de relaxation
longs (140, 200 et 2300 s), alors que la différenciation ostéogénique était favorisée pour une
rigidité de 17 kPa et des temps de relaxation courts (60, 140 et 200 s).[68] Malheureusement,
peu d’informations supplémentaires sont disponibles sur l’impact des propriétés viscoélastiques
des hydrogels sur la différenciation des MSCs (15 articles sur les cinq dernières années via
PubMed, avec les mots clés hydrogel viscoelasticity mesenchymal stem cell differentiation).
Enfin, la présence et la distribution de biomolécules sur le gel peuvent influencer le
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comportement cellulaire. Une étude a montré que parmi quatre protéines, le collagène I, le
collagène IV, la fibronectine et la laminine, la différenciation ostéogénique des MSCs est
prédominante avec le collagène I et une rigidité de 80 kPa, tandis que la différenciation
myogénique est favorisée avec la fibronectine et une rigidité de 25 kPa.[69] De plus, la
combinaison de plusieurs protéines à la surface du gel, comme la fibronectine, la laminine
et l’ostéopontine, favoriserait la différenciation ostéogénique des MSCs par rapport à ces
différentes protéines seules.[70] Des peptides issus des protéines de la matrice extracellulaire
sont également utilisés pour fonctionnaliser les hydrogels. Ces peptides sont facilement
accessibles par synthèse et avec une haute pureté, et leur structure peut être conçue selon l’effet
souhaité.[71] Ainsi, la séquence peptidique correspondant aux acides aminés 73 à 92 de la BMP-
2 recombinante humaine favoriserait la différenciation ostéogénique des MSCs par rapport à un
peptide d’adhésion RGD.[72] L’association du peptide mimétique de la BMP-2 avec le peptide
RGD permettrait d’améliorer la différenciation ostéogénique des MSCs par rapport aux peptides
seuls.[73] Des motifs de peptides ou de protéines de différentes tailles et formes peuvent aussi
influencer la différenciation des MSCs. Les MSCs se dirigeraient vers la lignée adipogénique
pour des petits motifs (entre 177 et 1413 µm2), et vers la lignée ostéogénique pour des plus
gros motifs (entre 2826 et 5652 µm2).[74] Une autre étude a montré que des motifs circulaires
encouragent la différenciation ostéogénique, tandis que des motifs anisotropiques, comme une
étoile à 4 branches, favorisent la différenciation neurogénique.[75] Il a également été montré
que les motifs circulaires mènent à un cytosquelette désordonné et l’absence de différenciation
ostéogénique, tandis que des motifs qui favorisent la tension du cytosquelette, comme un ovale
très allongé ou des formes concaves, favorisent l’expression de marqueurs ostéogéniques.[76]
Ainsi, la compréhension de l’influence des propriétés physiques, spatiales et biochimiques
des matériaux sur le devenir des cellules permettra le développement de matériaux avec des
propriétés sur mesure adaptées pour des applications spécifiques en médecine régénératrice.

Comme énoncé précédemment, ce travail de thèse vise à essayer de contrôler la
différenciation ostéogénique des MSCs par le biais d’interactions avec un matériau. Les
précédents travaux des deux équipes de recherche s’étant déroulés avec des matériaux rigides,
comme le titane, le verre, le silicium, et le PET (poly(téréphtalate d’éthylène)), ce projet se base
sur l’utilisation d’hydrogels comme support de culture cellulaire afin de mimer l’environnement
naturel des cellules et d’évaluer l’impact des propriétés mécaniques de la matrice sur la
différenciation ostéogénique des MSCs. Pour ce faire, des hydrogels à base d’acrylamide ont
été utilisés comme support de culture de MSCs humaines provenant de moëlle osseuse, de
part leur facilité de synthèse et leur rigidité hautement modulable. Cependant, ces hydrogels
sont considérés comme étant principalement élastiques. Ainsi, des hydrogels de copolymère
d’acrylamide et d’acide acrylique ont été synthétisés en variant leur formulation afin de moduler
à la fois la rigidité des gels, mais aussi leur comportement viscoélastique. Fournir des hydrogels
avec une rigidité et une viscoélasticité contrôlées permettra d’aller plus loin que la littérature
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actuelle sur l’évaluation de l’impact des propriétés mécaniques sur la différenciation des MSCs,
en incluant la dimension viscoélastique des matériaux.

La première partie du projet a consisté à synthétiser des hydrogels en variant leur
formulation, et à caractériser leurs propriétés physico-chimiques et mécaniques.[77] Seize
formulations de gel ont été synthétisées en variant la quantité d’agent réticulant (0.03%, 0.24%,
0.36% et 0.48%) et le ratio entre l’acrylamide et l’acide acrylique (100/0%, 95/5%, 90/10% et
82/18%). Les spectres infrarouge de ces hydrogels sont marqués par les pics caractéristiques
des fonctions -CH, -CH2, -NH, -NH2 et -C=O. De plus, les gels avec acide acrylique mènent
à l’apparition d’un pic à 1560 cm−1 qui correspond aux fonctions carboxylates (-COO−)
apportées par l’acide acrylique.[78, 79, 80] L’intensité de ce pic augmente avec la quantité
d’acide acrylique dans le gels, ce qui signifie que l’acide acrylique est bien intégré dans le
gel et en proportion variable. L’augmentation de la quantité d’agent réticulant conduit à une
diminution de la capacité d’absorption de fluide des gels. Ceci s’explique par le fait qu’une
augmentation de la réticulation crée un réseau plus dense dans lequel le liquide, ici une solution
tampon (PBS, Phosphate Buffered Saline, pH 7.4), a plus de difficulté à pénétrer.[80, 81] En
revanche, une augmentation de la quantité d’acide acrylique conduit à une augmentation de
la capacité d’absorption de fluide des gels. Avec un pKa autour de 5, les polymères d’acide
acrylique sont négativement chargés à pH neutre, ce qui crée des répulsions électrostatiques
entre les chaines polymères et augmente le gonflement des gels.[81, 82] Cette hypothèse a été
confirmée en montrant que le gonflement de gels de polyacrylamide ne varie pas selon le pH (pH
3, 5, 7 et 10), alors que le gonflement de gels de poly(acrylamide-co-acide acrylique) diminue
à pH 3, et ce d’autant plus que la quantité d’acide acrylique dans le gel est élevée. Des tests
de relaxation de contrainte en compression non confinée ont permis d’accéder aux propriétés
mécaniques des 16 formulations de gel. Avec les formulations étudiées, le module élastique des
gels a été mesuré entre 5 et 145 kPa. Le module augmente avec la quantité d’agent réticulant,
puisque l’augmentation de la réticulation crée un réseau plus dense, mais diminue lorsque la
quantité d’acide acrylique augmente, car les répulsions électrostatiques diminuent la densité du
réseau. Ensuite, il a été montré que le pourcentage de relaxation des gels, qui correspond au
pourcentage de la contrainte maximale qui est dissipé lors de la relaxation, augmente avec la
quantité d’acide acrylique puisqu’il est aux alentours de 15% pour des gels de polyacrylamide
et atteint jusqu’à 70% pour des gels de copolymère avec 18% d’acide acrylique, pour une
déformation du gel de 6%. Ceci est lié à la présence des charges négatives apportées par l’acide
acrylique qui favorisent le réarrangement des chaines polymères, et donc la dissipation de la
contrainte lors de la relaxation, grâce aux répulsions électrostatiques. Cette hypothèse a été
confirmée en montrant que la relaxation de gels de polyacrylamide ne varie pas selon le pH
(pH 3, 7 et 10), alors que la relaxation de gels de poly(acrylamide-co-acide acrylique) diminue
considérablement à pH 3, pour se retrouver au même niveau que le gel de polyacrylamide. Enfin,
il a été observé par microscopie électronique que la taille des pores diminue lorsque la quantité
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d’agent réticulant augmente, puisque le diamètre moyen des pores de gels de polyacrylamide
est de 4.4 µm pour 0.03% d’agent réticulant et de 0.8 µm pour 0.36% d’agent réticulant. Les
hydrogels de polyacrylamide présentent une structure de pores ronde ou ovale avec des parois
de gel séparant distinctement les pores, tandis qu’un gel avec 18% d’acide acrylique présente
une forme de pores irrégulière avec une séparation moins marquée entre les pores, ce qui
pourrait suggérer un degré plus élevé d’interconnexion entre les pores. Ceci pourrait favoriser
la migration de fluide dans le gel et donc participer à expliquer la relaxation plus importante
des gels contenant de l’acide acrylique. Ainsi, il a été démontré que la rigidité et les propriétés
viscoélastiques, et particulièrement le pourcentage de relaxation, pouvaient être contrôlés en
variant la formulation d’hydrogels de poly(acrylamide-co-acide acrylique).

Puisque les cellules n’adhèrent pas sur ces hydrogels, comme en surface d’une majorité
d’hydrogels synthétiques, la deuxième partie du projet a consisté à fonctionnaliser les hydrogels
avec des molécules bioactives afin de permettre l’adhésion des MSCs. Dans ce projet, un peptide
mimétique de la protéine BMP-2 (KRKIPKASSVPTELSAISMLYLC), développé et breveté
par l’équipe 3BIO’s[83], a été immobilisé de façon covalente à la surface des gels grâce à un
bras d’ancrage appelé Sulfo-SANPAH. Il a été montré que ce peptide favorise la différenciation
ostéogénique des MSCs lorsqu’il est immobilisé sur différents matériaux comme du verre ou du
poly(téréphtalate d’éthylène).[83, 84, 85, 86] Les hydrogels ont également été fonctionnalisés
avec du collagène de type I, étant le composant majoritaire de la matrice extracellulaire osseuse
et étant traditionnellement utilisé dans la littérature pour fonctionnaliser les hydrogels de
polyacrylamide lors des études sur l’impact de la rigidité du gel sur la différenciation des
MSCs.[52, 55, 56] Ceci permettra également d’évaluer l’impact de la biofonctionnalisation
de l’hydrogel sur la différenciation ostéogénique des MSCs. En fonctionnalisant les hydrogels
avec un peptide BMP-2 portant une molécule fluorescente (TAMRA) et en les observant en
microscopie confocale, il a été montré que le protocole utilisé permet une fonctionnalisation
homogène et localisée en surface des gels. La densité de peptide sur les gels a été estimée
autour de 1.5-2 pmol/mm2, ou 1 molécule/nm2. En marquant les gels fonctionnalisés avec le
collagène I avec un anticorps anti-collagène I, puis avec un anticorps fluorescent, et en observant
les gels en microscopie confocale, il a été observé que la fonctionnalisation est également
homogène et localisée en surface des gels et l’intensité de fluorescence est similaire entre les
gels. La densité de collagène sur les gels a été évaluée autour de 8 pmol/cm2, soit une densité
inférieure à celle du peptide BMP-2. Il a été montré que l’intensité de fluorescence de gels
immergés dans une solution de peptide fluorescent ou de collagène (qui est ensuite marqué par
immunofluorescence), sans activation préalable du gel avec Sulfo-SANPAH, est moindre par
rapport à celle des gels activés, ce qui confirme l’immobilisation covalente des biomolécules
grâce au Sulfo-SANPAH. Enfin, une étude préliminaire a montré qu’une fonctionnalisation
avec le peptide BMP-2 favorise l’expression de marqueurs de différenciation (ostéopontine,
E11, DMP1, sclérostine) par rapport à une fonctionnalisation avec le collagène.
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Suite aux essais de compression réalisés dans la première partie du projet, 5 gels ont été
sélectionnés pour évaluer l’impact des propriétés mécaniques sur la différenciation des MSCs
(rigidité - relaxation) : 5 kPa-15%, 55 kPa-15%, 145 kPa-15%, 55 kPa-30%, et 55 kPa-70%.
Ces gels devraient permettre d’évaluer l’impact de la rigidité pour une relaxation constante, et
l’impact de la relaxation pour une rigidité constante, sur la différenciation ostéogénique des
MSCs. Les propriétés mécaniques de ces 5 gels ont également été mesurées par Microscopie
à Force Atomique (AFM). En effet, la compression et l’AFM étant les deux méthodes les
plus utilisées pour mesurer la rigidité des hydrogels dans les études sur l’impact de la rigidité
sur le comportement cellulaire, il est intéressant de les comparer afin de voir si des études
utilisant ces deux techniques sont comparables entre elles. De plus, ces deux techniques sont
complémentaires puisque la compression permet de mesurer les propriétés mécaniques de
l’ensemble du gel, sur des centaines de µm à plusieurs mm, tandis que l’AFM permet de
mesurer les propriétés mécaniques de surface des gels, sur des centaines de nm. Avec les
paramètres utilisés, les valeurs de rigidité mesurées en AFM sont similaires à celles mesurées
en compression, ce qui montre que le module de l’ensemble du gel est comparable au module de
surface. Il est tout de même à noter que le module du gel le moins rigide a été évalué à 5 kPa par
compression et à 15 kPa par AFM. Ceci est dû au fait que le découpage des gels a mené à une
forme particulièrement conique du gel le moins rigide, qui a vu sa rigidité sous-estimée lors des
mesures en compression. Des mesures préliminaires de relaxation de contrainte ont également
été effectuées par AFM afin d’évaluer la faisabilité de la technique et de comparer la relaxation
de l’ensemble du gel à celle de la surface du gel. Les essais ont été effectués sur les gels 55 kPa-
15% et 55 kPa-30%, et ont mené à des pourcentages de relaxation de 8% et 50%, pour ces deux
gels, respectivement. Ainsi, il serait possible de mesurer la relaxation de surface des gels par
AFM et de voir des différences entre les formulations de gel, bien que les valeurs numériques
ne soient pas identiques à celles mesurées en compression du fait de la vitesse d’approche de la
pointe AFM qui est différente de la vitesse utilisée en compression.
Par la suite, la question suivante s’est posée : les propriétés mécaniques des gels vierges sont-
elles équivalentes à celles des gels fonctionnalisés, et donc, sont-elles les propriétés mécaniques
que vont sentir les cellules? Pour répondre à cette question, les propriétés mécaniques des
gels ont été mesurées par compression et par AFM après la fonctionnalisation avec le peptide
BMP-2. Aucune différence de rigidité ou de relaxation entre des gels vierges et des gels
fonctionnalisés n’a été mesurée par compression. Ceci était attendu car il a été montré que
la fonctionnalisation avec le peptide BMP-2 s’étend sur une profondeur d’environ 25 µm, alors
que les essais compression ont été menés avec une déformation du gel de 6%, soit sur une
profondeur d’environ 300 µm. Les mesures par AFM ont révélé que la rigidité des gels ne
contenant pas d’acide acrylique (15 kPa-15%, 55 kPa-15%, 145 kPa-15%) reste inchangée
après la fonctionnalisation, tandis que la rigidité des gels contenant de l’acide acrylique (55
kPa-30% et 55 kPa-70%) augmente significativement après fonctionnalisation. De plus, cet
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effet est plus prononcé pour le gel contenant la plus forte quantité d’acide acrylique puisque les
gels contenant 10% et 18% d’acide acrylique présentent une rigidité similaire autour de 55-60
kPa avant la fonctionnalisation, et une rigidité de 100 kPa et 140 kPa, respectivement, après la
fonctionnalisation. Ceci s’explique par le fait que le poly(acide acrylique) est connu pour former
des réticulations sous lumière UV, même sans la présence d’un photo-initiateur.[87, 88, 89]
Ainsi, l’irradiation UV des gels, pratiquée lors de la fonctionnalisation afin d’activer le
Sulfo-SANPAH, augmente la réticulation des gels avec acide acrylique, causant ainsi une
augmentation de leur rigidité. Enfin, il a également été montré, pour la première fois, que la
fonctionnalisation de surface des gels avec le peptide BMP-2 ne modifie pas les propriétés
viscoélastiques des gels mesurées par AFM, donc à l’échelle microscopique. Plusieurs études
ont montré que certaines cellules, dont les MSCs, sont capables de ressentir les propriétés
mécaniques du substrat sur lequel elles sont jusqu’à une profondeur de 5 µm.[52, 90, 91, 92, 93]
Ainsi, il semble que mesurer les propriétés mécaniques des gels par compression ne permette
pas d’évaluer les propriétés mécaniques que les cellules vont réellement sentir. Cette étude
fournit donc une comparaison claire entre la compression et l’AFM, qui manque encore dans la
littérature, et qui semble montrer que la caractérisation des propriétés mécaniques de surface des
gels par AFM est cruciale pour évaluer l’impact des propriétés mécaniques sur le comportement
cellulaire pour des études en 2 dimensions. Ainsi, la rigidité des gels après fonctionnalisation et
mesurée par AFM a été considérée pour la suite du projet, tandis que la relaxation des gels
mesurée par compression a été conservée, puisqu’il a été montré que la fonctionnalisation
n’avait pas d’impact sur la relaxation des gels à l’échelle microscopique. Les 5 gels considérés
présentent donc les propriétés mécaniques suivantes : 15 kPa-15%, 60 kPa-15%, 140 kPa-15%,
100 kPa-30%, et 140 kPa-70%.

Enfin, des cellules souches mésenchymateuses humaines de moëlle osseuse ont été mises
en culture sur ces hydrogels pendant 24h et 2 semaines dans du milieu de culture ostéogénique.
L’aire cellulaire a été évaluée après 24h et il a été montré que celle-ci augmente avec la rigidité
du gel, pour une même relaxation autour de 15%. Ceci est cohérent avec les observations
faites dans la littérature[52, 55, 56, 58, 62, 69] et confirme l’hypothèse que les cellules ont
besoin d’être moins contractiles sur les gels mous que sur les gels rigides pour adhérer à la
matrice. Les cellules sur les gels présentant 30% et 70% de relaxation présentent une aire
cellulaire plus faible que celles sur le gel 60 kPa-15%, bien que ces deux gels possèdent des
rigidités plus élevées de 100 et 140 kPa. Ceci indique qu’une augmentation de la relaxation
des gels mène à une diminution de l’aire cellulaire. Plusieurs études ont également observé ce
phénomène[94, 95, 96, 97] et ont émis l’hypothèse que les forces de traction développées par la
cellule à l’interface avec le substrat sont faibles à cause de la relaxation, et donc de la dissipation
de ces forces par le substrat, ce qui limite l’étalement des cellules[94, 97].
Après 24h de culture, l’expression d’ostéopontine est plus importante pour les gels 60 kPa-
15% et 140 kPa-15%, ce qui est cohérent avec le fait que les cellules sont plus étalées sur
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ces gels et qu’une aire cellulaire plus importante favorise la différenciation des MSCs en
ostéoblastes.[62, 69, 74, 76] Pour une même relaxation de 15%, l’expression de marqueurs
ostéocytaires (E11, DMP1, et sclérostine) est plus importante pour une rigidité de 60 kPa, que
pour des rigidités de 15 et 140 kPa. Enfin, les gels 100 kPa-30% et 140 kPa-70% ont mené à la
plus forte expression des trois marqueurs ostéocytaires après seulement 24h de culture.
Après deux semaines de culture en milieu ostéogénique, les MSCs cultivées sur du verre sont
très étalées et présentent une morphologie cuboïdale, caractéristique des ostéoblastes[98, 99]
alors que les cellules sur les hydrogels présentent un corps cellulaire plus petit et une
morphologie dendritique, caractéristique des ostéocytes[5, 6, 99], excepté sur le gel le moins
rigide. De même manière qu’à 24h de culture, l’expression de marqueurs ostéocytaires (E11,
DMP1, et sclérostine) après 2 semaines est plus importante pour une rigidité de 60 kPa, que
pour des rigidités de 15 et 140 kPa, pour une même relaxation de 15%. Ces résultats sont
cohérents avec le fait qu’une rigidité comprise entre 30 et 60 kPa favoriserait la différenciation
ostéogénique des MSCs.[52, 55, 56, 57, 58, 62, 63] Enfin, le gel 140 kPa-70% a mené à la plus
forte expression des trois marqueurs ostéocytaires après 2 semaines de culture, ce qui semble
montrer que la relaxation du gel a un impact non négligeable sur la différenciation ostéocytaire
des MSCs. De plus, cela semble indiquer qu’une relaxation élevée favorise la différenciation
ostéocytaire des MSCs, et ce, même si la rigidité du gel est élevée et n’est donc pas la plus
favorable. L’hypothèse principale pour expliquer ces résultats est que l’augmentation de la
viscoélasticité du substrat donne plus de possibilités aux cellules de remodeler la matrice, ce
qui favorise la différenciation.[100] Ainsi, ce projet apporte un nouveau regard sur l’impact
des propriétés viscoélastiques des hydrogels sur la différenciation ostéogénique des MSCs, et
souligne l’importance de considérer ces propriétés pour la conception de matériaux efficaces
pour promouvoir la régénération osseuse. De plus, les résultats présentés sont particulièrement
prometteurs pour l’étude de la différenciation des MSCs vers des ostéocytes, qui est encore
une processus relativement peu connu, et pour l’étude des ostéocytes, qui est une tâche difficile
compte tenu du fait que ces cellules sont particulièrement difficiles à extraire.
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Foreword

This thesis includes three articles that I wrote as the first author. The first article is a book
chapter about the impact of hydrogels properties on the behavior of mesenchymal stem cells,
while the two other articles present the main results obtained during this PhD. Some details
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Introduction

It is estimated that 1.6 million bone grafts are used annually in the U.S. for degenerative
diseases, injuries, tumors, and infections, accounting for approximately $244 billion.[20] The
reconstruction of damaged bone therefore constitutes an area of general interest and remains
a real clinical issue, especially in the case of large bone loss. Indeed, while the bone graft
is the gold standard for the repair of bone defects, the quantity of available grafts is limited
and might fail to meet the growing demand.[1] To overcome this problem, synthetic materials,
such as ceramic, metallic, and polymeric materials, have been developed as bone substitutes.
However, these materials generally do not interact with the bone of the patient and end up
being surrounded by a layer of fibrous tissue, that might result in the fracture of the bone or the
implant, and in the need for new surgery.[8, 11]

In this context, tissue engineering is emerging as a new strategy for bone repair. Bone
tissue engineering consists in combining (1) a biocompatible scaffold that closely mimics the
natural bone extracellular matrix and that degrades over time to be replaced by newly formed
bone tissue, (2) osteogenic cells that produce the bone tissue matrix, and (3) bioactive agents
that help to direct the cells to the phenotypically desirable type.[18, 19, 20] Considering this
strategy, mesenchymal stem cells (MSCs) constitute an interesting candidate for bone tissue
engineering. Indeed, they are self-renewable, multipotent, easily accessible from bone marrow,
and they can differentiate into different types of cells, including bone cells (osteoblasts).[101]
However, the clinical use of MSCs is hindered by their tendency to uncontrollably proliferate
and differentiate, when cultivated in vitro.[32] Therefore, one of the major challenges to
implement bone tissue engineering is to understand and optimize the interactions between
MSCs and materials, in order to guide MSCs behavior and obtain the appropriate cellular
response for tissue regeneration.[20, 21, 22]

The 3BIO’s research team (Bordeaux) and the LIS laboratory (Québec) have a long-term
expertise in studying the impact of the surface properties of materials on MSCs behavior,
including for example the presence and distribution of various biomolecules [84, 85, 102,
103, 104], as well as nanotopographies[105, 106, 107, 108, 109]. However, these studies
were conducted on hard materials such as titanium, glass, silicon, and PET (polyethylene
terephthalate), and it is now recognized that the properties of these materials, and especially

1



their mechanical properties, do not match the properties of the native cell extracellular matrix.
Therefore, transfering this expertise of surface properties from hard materials to hydrogels, that
better mimic the natural cell growth environment, could be a promising approach to further
control MSCs differentiation.

One objective of this PhD project is to develop hydrogels with controlled mechanical
properties, in terms of stiffness and viscoelastic properties, and to assess their impact on
MSCs osteogenic differentiation. In the literature, it is believed that mimicking the mechanical
properties of cells natural extracellular matrix would be favorable for the control of cell fate. In
addition, the optimal mechanical properties to direct MSCs osteogenic differentiation are still
to be determined, and particularly there is still very little information regarding the impact
of the viscoelastic properties of the matrix on MSCs differentiation. Considering that cells
extracellular matrix is composed of many different proteins, a second objective of this project
is to assess the impact of hydrogels biofunctionalization on MSCs osteogenic differentiation,
by comparing a mimetic peptide of the BMP-2 protein and type I collagen, and to determine
if varying hydrogels biofunctionalization might change the way cells feel the mechanical
properties of the matrix.

The first chapter focuses on the composition of bone and the processes of bone repair, as
these constitute important knowledge for the development of effective strategies for bone repair.
Then, the different strategies currently used in clinics for bone repair and their limitations are
presented.

The second chapter presents different types of stem cells that can be used for bone tissue
engineering, with a particular focus on mesenchymal stem cells (MSCs). Then, the use of MSCs
in various clinical applications and their limitations is mentioned. Subsequently, the influence of
the in vitro culture conditions of MSCs on their osteogenic differentiation is discussed. Finally,
hydrogels are presented as an interesting platform for cell culture, and the principal polymers
that can be used to synthesize hydrogels are reviewed.

The third chapter aims at gathering the accumulated knowledge on the control of MSCs
behavior by varying hydrogels properties such as topography, porosity, mechanical properties,
and biomolecules presentation.

The fourth chapter describes the obectives of this project and the main strategy followed to
achieve these objectives.
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The fifth chapter presents a first result article about the synthesis of hydrogels
with controlled mechanical properties, and their chemical, structural, and mechanical
characterization. This chapter also includes preliminary results about the impact of hydrogels
stress relaxation on human bone marrow MSCs osteogenic differentiation.

Chapter 6 presents a second result article describing hydrogels surface functionalization
with a mimetic peptide of the BMP-2 protein, as well as the impact of the surface
functionalization on hydrogels surface mechanical properties. Subsequently, the impact of
hydrogels stiffness and stress relaxation on MSCs osteogenic differentiation is presented and
discussed.

Chapter 7 shows supplementary studies about the evaluation of hydrogels cytotoxicity, the
surface functionalization of hydrogels with type I collagen, and preliminary results about the
impact of hydrogels functionalization with a BMP-2 mimetic peptide or with type I collagen on
MSCs osteogenic differentiation.

Finally, chapter 8 is a general discussion about all the results obtained in this PhD work and
their significance for the control of MSCs osteogenic differentiation and the design of materials
capable of interacting with cells.
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Chapter 1

Bone physiology and repair

This first chapter focuses on the composition of bone and the processes of bone repair as
these constitute important knowledge for the development of effective strategies for bone repair.
Then, the different strategies currently used in clinics for bone repair and their limitations are
presented, including bone graft, synthetic bone substitutes, and biological subsitutes.

1.1 Bone composition

1.1.1 Bone structure

In order to develop effective strategies for bone regeneration, it is important to consider
bone structure and composition. Bones constitute an essential element of the human body as
they form the framework of the body, they protect intern organs, they allow movement, and
they provide minerals.[1] Bones are composite materials as they are composed of an organic
phase, mainly formed of type I collagen fibers, and a mineral phase, made of hydroxyapatite
(HAp) crystals located between the collagen fibers (Figure 1.1).[1, 2] However, the process of
hydroxyapatite crystals deposition on the type I collagen matrix is a complex process that is still
not fully understood.[28] In addition to collagen, it is reported that well-over 100 extracellular
matrix proteins are present in bone.[28] The organic phase provides elasticity to bones, while
the mineral phase brings them rigidity.[2] Indeed, a load applied on the bone is first resisted
by the stiffness of the bone, provided by the mineral phase. Then, when the load exceeds a
critical value, the energy is dissipated by the organic phase thanks to stretching and/or rupture
of molecules and chemical bonds.[28]

Two types of structures can be found in bones (Figure 1.1). Cortical bone counts for 80% of
the skeleton. It is highly dense and organized in concentric lamellae, called osteons, which form
a channel to allow the passage of the blood vessels. Trabecular bone, also called cancellous
bone or spongy bone, is much less dense and presents a higher surface area due to its high
porosity, which brings lightness to bones. Trabecular bone can be found at the center of long
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bones, such as the femur and the shin, in flat bones like the shoulder blades and the ribs, and
in vertebrae.[2, 4] Bones also contain bone marrow for which the distinction should be made
between red bone marrow, located within the pores of trabecular bone, and yellow bone marrow,
which can be found at the center of long bones.[4] They have a very important role within the
organism as they are the source of various types of stem cells which participate in the renewal of
several populations of cells. Indeed, stem cells have the ability to proliferate almost endlessly
to maintain stem cells population, or they have the possibility to differentiate into different
types of cells to renew the population.[3] Thus, red bone marrow contains hematopoietic stem
cells (HSCs) that can differentiate into all types of blood cells, such as red and white blood
cells, and platelets[4], while yellow bone marrow contains mesenchymal stem cells (MSCs)
which can differentiate into fat cells (adipocytes), cartilage cells (chondrocytes), and bone cells
(osteoblasts).[3]

FIGURE 1.1 – The hierarchical structure and main nanostructure of human bone. The
macrostructure of bone consists of trabecular (spongy) bone and cortical (compact) bone, with
bone and Haversian canals around blood vessels. At the micro level, bone tissue is mainly a
three-dimensional nanostructure composed of nanohydroxyapatite and self-assembled collagen
fibres.[13]
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1.1.2 Cellular components

As previously mentioned, in addition to organic and inorganic materials, bones are
composed of different types of cells that can be divided into two categories, stem cells (HSCs
and MSCs) and cells forming bone tissue. The latter are composed of three different types of
cells, namely osteoclasts, osteoblasts and osteocytes (Figure 1.2.)[1, 2, 4, 23]

FIGURE 1.2 – Bone remodelling cycle.[2]

Osteoclasts are multi-nucleated cells formed from the differentiation of HSCs and that
are responsible for bone resorption.[2, 4, 23] Indeed, it has to be noted that bone is a
dynamic tissue as about 2.5% of cortical bone and 25% of trabecular bone are renewed every
year.[4] Osteoclasts attach to bone surface and secrete hydrochloric acid capable of dissolving
hydroxyapatite, as well as proteolytic enzymes which degrade proteins, resulting in bone
resorption.[2]
Osteoblasts are mono-nucleated cells[23] resulting of the differentiation of MSCs, and whose
principal function is to synthesize bone extracellular matrix and promote its mineralization.[4]
Osteoblasts produce a matrix called osteoid that is deposited at the surface of bone.[2, 3]
This matrix is mainly composed of type I collagen, as well as other proteins such as
fibronectin, osteopontin, osteonectin, and osteocalcin.[23, 110] Osteoblasts then perform matrix
mineralization by transferring calcium and phosphate ions from the extracellular medium to the
matrix. Once this process is achieved, osteoblasts can become bone lining cells and form a layer
of cells at the surface of bone, or be progressively included into cortical bone and differentiate
into osteocytes, or else undergo apoptosis.[2, 4, 28, 29]
Osteocytes represent one of the terminal fates of osteoblasts and form the most abundant cells in
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bone. They are embedded within bone in a lacunocanalicular system and form a tridimensional
network of interconnected cells which makes them sensitive to mechanical stress and bone
micro-damages.[2, 4, 23, 28] Indeed, when a bone is mechanically loaded, there are several
possible stimuli that could be detected by osteocytes.[5] First, because osteocytes are distributed
throughout the bone matrix, they will experience and sense the physical deformation of the
bone matrix. Then, the load-induced flow of canalicular fluid through the lacunocanalicular
network results in fluid flow shear stress that will also be sensed by osteocytes. Finally,
electrical potentials that are generated from the flow of the canalicular fluid (which is an ionic
solution) through the charged surfaces of the lacunocanalicular walls could also be sensed
by osteocytes.[5] This sensitivity helps osteocytes to regulate osteoclasts recruitment for bone
resorption, as well as regulate bone mineralization.[6]

1.1.3 Bone extracellular matrix

As highlighted in the previous sections, the extracellular matrix of bone is composed of
an inorganic phase, made of hydroxyapatite (HAp) crystals, and an organic phase comprising
many proteins that have different roles.

The bone extracellular matrix (ECM) is composed at 90% of dense and highly crosslinked
type I collagen fibers.[111] It has been found that the quantity and structure of type I
collagen was critical to maintain proper bone strength[28], as the lack of type I collagen or
mutation of collagen structure are involved in the osteogenesis imperfecta disease (brittle bone
disease)[111, 112], while crosslinking defects are related to osteoporosis.[111] Collagen types
III and V are also present in bone ECM, and regulate the fiber diameter and fibrillogenesis of
type I collagen.[112] Collagen modulates osteogenesis by binding with integrins of osteoblast
progenitors. It also provides a matrix for anchoring cells and therefore regulates the growth and
osteogenic properties of osteoblasts.[112]
Small leucine-rich proteoglycans (SLRPs), such as biglycan, decorin, keratocan, and asporin,
can also be found in bone. These molecules are secreted extracellular proteins that regulate
cellular behaviors and participate in all stages of bone formation, including cell proliferation,
osteogenesis, mineral deposition, and bone remodeling.[112]
Glycoproteins, such as osteonectin and sclerostin, are also present in the bone ECM.
Osteonectin regulates the calcium release by binding collagen and HAp crystals, thereby
influencing the mineralization of collagen during bone formation.[112] Sclerostin, produced
by osteocytes, would be an inhibitor of osteoblast matrix production.[28]
Many other proteins are present in bone and form approximately 5% of the matrix. The
most studied are osteopontin (OPN) and osteocalcin (OCN) which participate to matrix
mineralization.[111] OCN has the ability to bind calcium and mediate its association with
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hydroxyapatite, while OPN regulates bone formation, mineralization, and resorption.[112]
They would also be implicated as contributors to the strengthening mechanism of bone by
forming a tether between collagen fibrils and mineral crystals.[28] OCN would promote the
differentiation of MSCs into osteoblasts. OPN would increase the proliferation capacity of
MSCs in a dose dependent manner, and would also induce MSCs migration.[112] OPN is part
of the SIBLINGs (Small Integrin-Binding Ligand N-Linked Glycoproteins) family, a family
of glycophosphoproteins found in mature and mineralized bone. This family also comprises
other proteins such as bone sialoprotein (BSP), dentin matrix protein-1 (DMP1), and matrix
extracellular phosphoglycoprotein (MEPE).[112] BSP promotes osteoblast differentiation and
initiates matrix mineralization in bone tissue, while DMP1 and MEPE, produced by osteocytes,
regulate matrix mineralization and phosphate metabolism.[112] DMP1 would be a negative
regulator of MSCs differentiation, but would inhibit the apoptosis of osteocytes, enhance bone
mineralization, and prevent the disintegration of the osteocyte network.[28, 112]

Although they are not directly deposited into the ECM, many growth factors exist in bone
and can be trapped within the ECM, which can falicitate their interaction with different cell
types. The main growth factors influencing bone formation and repair are presented later in this
chapter.

1.2 Bone development and repair

1.2.1 Physiology of bone development

The earliest forms of skeleton, that form during embryogenesis, are the mesenchymal
condensations that form when undifferentiated mesenchymal cells migrate into areas destined
to become bone. These mesenchymal condensations can then become bone through two distinct
processes.

The first process is intramembranous ossification. This process is involved in the formation
of the bones in the cranial vault, parts of the jaw, and the medial part of the clavicle.[113, 114]
During this process, mesenchymal stem cells gather together in a fibrous connective tissue
membrane made of collagen fibers, and begin to differentiate into osteoblasts to form an
ossification center. Bone matrix (osteoid) is then secreted by the osteoblasts within the fibrous
membrane. Finally, osteoid is mineralized within a few days and trapped osteoblast become
osteocytes, while the remaining osteoblasts continue producing osteoid to increase bone size.
As bone matrix mineralization makes bones relatively impermeable to nutrients and metabolic
waste, blood vessels are trapped within the bone during its formation to supply nutrients to
osteocytes as well as bone tissue and to eliminate waste products.[115]
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The second process is called endochondral ossification, as it is a two-step process
involving chondrogenesis and osteogenesis (Figure 1.3). Indeed, the cells in mesenchymal
condensations first differentiate into chondrocytes to create a cartilaginous template of the future
bone. These chondrocytes then undergo hypertrophy as they stop dividing, they enlarge, and
become hypertrophic chondrocytes, a subpopulation of chondrocytes surrounded by a calcified
ECM. The cartilage continues to grow longitudinally, and continually deposits hypertrophic
chondrocytes. Subsequently, a vascular invasion brings osteoblast progenitors that will form a
primary ossification center, as they will differentiate into mature osteoblasts that secrete the
bone ECM that will replace the cartilaginous ECM.[113, 114] A secondary ossification center
then arises within the end of the bone, and the cartilage tissue is progressively replaced by
bone.[114]

FIGURE 1.3 – A) Schematic representation of mesenchymal cells (blue) that begin to form
condensations. B) Mesenchymal cells differentiate into chondrocytes (red cells), and the process
of chondrocyte maturation and hypertrophy initiates. The cartilage template is surrounded by a
layer of perichondrium (white cells). C) Vascularization (represented by red lines) takes place in
the center of the cartilage template, resulting in replacement of chondrocytes with endochondral
bone (open circles) in the primary ossification center. D) The secondary ossification center
forms and also becomes vascularized.[114]
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1.2.2 Bone repair

Bone repair can occur by different mechanisms, that can be similar to bone formation during
embryogenesis.

Endochondral bone repair describes bone repair which occurs in an environment of
micromotion between the fragments, such as with fractures treated in a cast. After injury there
is extensive bleeding with the formation of a large haematoma, followed by the formation
of a fibrinous blood clot. During the first few days post-fracture, the body also triggers an
inflammatory response. It is thought that molecules associated with the inflammatory phase
and blood clot formation are essential for initiating the correct repair response. Similarly to
endochondral ossification, the relative movement of the repair environment and the relative
tissue hypoxia due to damage to the blood supply leads to the formation of a large cartilaginous
mass, called a callus, by undifferentiated mesenchymal cells, that will stabilize the fracture site.
Subsequently, the chondrocytes undergo hypertrophy, the callus is invaded by osteoprogenitor
cells and blood vessels, and bone tissue is formed on the cartilage.[116]

When a stable environment for repair is established by early surgical fixation of the
fragments, the cartilage callus is no longer needed for bone repair. Primary bone repair, also
referred to as contact healing, occurs in situations where the fracture is rigidly compressed with
no interfragmentary gap. Since a dense and normally oriented scaffold for repair exists, in the
form of the original bone held by rigid compression fixation, surface osteoblasts are sufficient
for bone repair. Indeed, they perform bone repair by depositing lamellar bone (i.e. bone with
parallel collagen fibers) directly parallel to the long axis of the bone.[116] Direct bone repair,
or gap repair, occurs when the fracture is rigidly compressed but with an interfragmentory
space from 0.2 mm to a few mm. In this case, the central part of the defect is filled with
mesenchymal stem cells that progressively differentiate into osteoblasts to recreate bone. The
repair is more advanced at the periphery of the defect than in the center, as mesenchymal stem
cells differentiate into osteoblasts that produce woven bone (i.e. bone with randomly oriented
collagen fibers). Then, as woven bone is progressively produced towards the center of the defect,
the woven bone at the periphery is replaced by lamellar bone. Rapidly, the proportion of lamellar
bone increases in all the defect and osteons are recreated.[116]

Finally, distraction osteogenesis occurs in a stable environment due to external fixation but
with an intermittent or continuous incremental lengthening of the fixation. In this case, the
healing process is similar to direct bone repair, but with the longitudinal distraction helping the
collagen fibers of the woven bone to align along the long axis of the bone. This technique allows
bone repair to occur without the need for internal stabilization or bone grafting.[116]
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1.3 Strategies for bone regeneration

As previously mentioned, different strategies already exist and are efficient for the repair
of small bone defects (cast, surgical fixation) but are still insufficient for the repair of large
defects such as large fractures, bone tumor, or bone necrosis, for which a large part of the bone
is missing. These defects must be filled to get the normal function of bone back. The filling
material has to provide mechanical support and allow for bone reconstruction, which requires
three important properties : osteoconduction, osteoinduction, and osteogenesis (Figure 1.4).
Osteoconduction is the ability to support the adhesion and growth of osteoblasts and osteo-
progenitors. Osteoinduction describes the ability to recruit undifferentiated cells and stimulate
their development into pre-osteoblasts. Osteogenesis includes osteogenic differentiation and
new bone formation. Ideally, the filling material should progressively resorb to be replaced
by bone tissue. In the case of implanted materials that replace bone, like a hip prosthesis for
example, osseointegration, which describes a stable anchoring of the implanted material by a
direct contact with bone, is also an important requirement.[1]

FIGURE 1.4 – The essential properties of bone filling materials : osteoconduction,
osteoinduction and osteogenesis.
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1.3.1 Bone grafts

Currently, bone graft is the most widely used method for the treatment of bone defects. More
than two million of bone grafts would be performed every year worldwide, which represents the
second most frequent transplant, after blood transfusion.[1, 7] A bone graft consists in collecting
healthy bone tissue and implanting it at the location of the bone defect. Three types of grafts
can be distinguished : autologous graft, allogeneic graft, and xenotransplantation.

Xenotransplantation consists in implanting an organ or cells from animals to humans.
This approach would circumvent the lack of organs from human origin, but the immunologic
differences between the species generally result in graft rejection.[1]

Autologous graft (or autograft) consists in collecting healthy bone tissue from the patient,
generally in the hip, and reimplanting it at the location of the bone defect. This method
is considered as the gold standard for the treatment of bone defects as the graft presents
the required properties of osteoinduction, osteoconduction, and osteogenesis, and is directly
compatible with the patient as it comes from the patient himself. Cancellous (trabecular)
autografts are the most commonly used form of autologous bone grafts. They present few
osteoblasts and osteocytes, but are abundant in mesenchymal stem cells which help maintain
the osteogenic potential and the ability to generate new bone from the graft. Additionally, the
large surface area of a cancellous autograft facilitates the revascularization and incorporation of
the graft locally to the host bone. While cortical autografts possess better structural integrity and
are mechanically supportive. Nevertheless, autologous graft suffers from several disadvantages,
such as complications, pain and infection that can occur where the bone is collected, a longer
operating time and a limited volume of available bone.[1]

Allogeneic transplant (or allograft) is the transplantation of tissue collected on another
individual of the same species. Cancellous allografts are the most common types of commercial
allogeneic grafts and are supplied predominately in the form of cuboid blocks. Because of
their low mechanical properties and their relative poor healing promoting ability, cancellous
allografts are mainly applied for spinal fusion augmentation and for filling small cavitary
skeletal defects. Cortical allografts confer rigid mechanical properties and are mainly applied
for filling large skeletal defects where immediate loading-bearing resistance is required.
Allograft is an alternative to autograft but this method also presents some disadvantages. The
success rate is lower than for the autograft, as it is thought that the initial osteoinduction phase
would be destroyed by immune response and inflammatory cells, which could quickly surround
the neo-vasculature, causing the necrosis of osteo-progenitor cells. Allograft also presents a risk
of virus transmission.[1]
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1.3.2 Synthetic bone substitutes

The complications that may occur for the different types of bone grafts and the inability to
meet the growing demand for bone initiated the development of synthetic bone substitutes. The
bone substitutes currently used in clinics can be divided into four groups : ceramics, bioactive
glasses, metallic materials, and polymeric materials.[1, 7]

Ceramics

Ceramic materials exhibit great compression strength and high Young’s modulus, together
with high wetting degrees and surface tensions, which would favor the adhesion of proteins,
cells, and other biological moieties, which make them interesting candidates as bone
substitutes.[8]

The most widely used ceramics are alumina (Al2O3) and zirconia (ZrO2) because of their
high strength, good corrosion and wear resistances, stability, and non-toxicity. Alumina has
been used in total hip arthoplasties, in total knee prosthesis, and in dentistry for making screws,
blades, and ceramic crowns. Because of its enhanced mechanical properties when compared to
alumina, zirconia has replaced alumina in ceramic femoral heads. In addition, due to its white
color, zirconia has often been used to make dental implants. However, these ceramics can be
qualified as biologically inert (bioinert) materials as they do not interact with the host bone,
which elicits a foreign body reaction. As a defense mechanism, the host body will surround the
implant by an acellular collagen capsule, to isolate it from the body. This capsule of fibrous
tissue can provoke interfacial micromovements that grow with time and eventually results in
the failure of the prosthesis.[8]

In order to avoid the formation of a capsule around the implant and to obtain favorable
interactions with the living body (bioactive response or degradation), ceramics made of calcium
phosphates or sulfates are now clinically used for bone tissue augmentation, with different sizes
and shapes (Figure 1.5), as bone cements, or for metallic implant coatings.[8, 9]
Being the principal component of bone, special attention has been paid to hydroxyapatite (HAp,
Ca5(PO4)3OH).[8, 9] The ability of hydroxyapatite to host ions in its structure allows the design
of synthetic calcium phosphates with tunable properties such as degradation, surface structure,
and electric charge. In addition, the presence of certain chemical elements (Sr, Zn, silicates)
that are released during ceramic resorption would facilitate bone regeneration carried out by
osteoblasts.[8] Hydroxyapatite has osteoconduction and osseointegration properties, but lacks
osteoinduction and osteogenesis properties. In addition, this material resorbs too slowly to allow
osseous repair.[7, 9, 117]
Calcium Sulfate (CaSO4) has been used for the first time in 1892 to fill bone defects. The
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dihydrate form of the compound has the ability to harden by exposure to moisture. It is therefore
possible to control the porosity of the material by varying the exposure to moisture.[7] Calcium
sulfate offers many advantages as it presents a structure similar to bone, it is osteoconductive,
and inexpensive.[118] The material has a highly crystalline structure which allows to resist
compression forces. However, if the material is more resistant than trabecular bone, it is seven
times less resistant than cortical bone.[7] In addition, this material resorbs very fast and can
resorb before a complete bone reconstruction.[7, 118]
Finally, β-tricalcium phosphate (β-TCP, Ca3(PO4)2) can also be used. This material resorbs
faster than hydroxyapatite but slower than calcium sulfate. However, tricalcium phosphate is
contra-indicated in case of infection and for the replacement of long bones, as it is not strong
enough to survive physiologic loading.[7, 117]
Considering the faster resorption of β-TCP as compared to HAp, and the better mechanical
properties of HAp, these two materials are often used together to create composite ceramics
that enable a faster and higher bone ingrowth rate than using HAp alone, while offering better
mechanical properties than β-TCP alone.[8, 118] But despite the improvement of mechanical
properties of β-TCP by the incorporation of HAp, the strength of the composite ceramics is still
lower than cortical bone compression strength.[118]
Cements based on calcium phosphates, calcium carbonates, or calcium sulfates are also under
investigation as it would provide mouldable and even injectable pastes that are able to harden
within the body. The physical-chemical properties of these materials, such as the setting time,
porosity, and mechanical behavior, depend on cement formulation and the presence of additives,
and would therefore be tunable. However, some aspects still need to be improved and are related
to their mechanical toughness, curing time, application technique on the osseous defect, and the
final biological properties.[8, 9]

It is recognized that the main disadvantage of ceramic materials is their brittleness that
makes them not suitable for load-bearing applications.[8, 9] To overcome this drawback,
coatings of hydroxyapatite and other calcium phosphates over metallic substrates are
developped. But the resorbable nature of these materials causes a loosening of the coating over
time. In addition, other aspects still have to be solved including adherence of the ceramic to the
metallic substrate.[8]
In addition, the porosity of ceramic implants is adjusted to enhance biological performance,
as interconnected macropores > 100 µm would be required to allow tissue ingrowth and
neovascularization, and to ensure a fast healing response.[8, 9] However, adding porosity to
the material further decreases its mechanical properties. Although there have been several
attempts to improve the mechanical properties of ceramics by combining them with polymers,
at the moment no biodegradable composites have been obtained with a combination of strength,
ductility and toughness close to that of cortical bone.[9]
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FIGURE 1.5 – Synthetic materials made from hydroxyapatite and tricalcium phosphate
produced by the company Biomatlante and used as bone grafts. They are composed of macro-
and micropores, with a porosity of 70%, which allows cell and nutrients transport. From
biomatlante.com

Bioactive glasses

Bioactive glasses (or bioglasses) are originally silicates that are coupled to other minerals
naturally found in the body (Ca, Na2O, H, and P).[118] Bioactive glasses have the ability
to degrade chemically and convert to hydroxyapatite which can subsequently bond to host
bone.[117, 119, 120] Indeed, sodium, silica, calcium, and phosphate ions are released from
the surface, forming a silica gel layer on the glass surface, allowing amorphous calcium
phosphates to precipitate on this layer. These amorphous structures then crystalize to natural
hydroxyapatite, which activates osteoblasts for the formation of new bone. Because of the
continuous reactions and layer formation, the glass will finally be absorbed and therefore
constitutes a bioresorbable material.[120] Bioactive glasses would also posses antibacterial
properties as a result of a local pH increase caused by the exchange of alkali ions with protons
in body fluid. The release of salt ions also contributes to a higher osmotic pressure, which is
an antimicrobial factor.[120] These features make bioglasses interesting candidates for bone
regeneration purposes.

S53P4 bioactive glass, composed of 53% SiO2, 4% P2O5, 23% Na2O, and 20% CaO (by
weight), is increasingly used in clinical practice in various bone graft applications and in
treatment of osteomyelitis. This bioactive glass is mostly used in a granular form (Figure 1.6)
and has been found to be an interesting alternative to autologous bone graft for the repair of
several small bone defects, such as defect reconstruction of facial bones, frontal sinus fracture
obliteration, nasal septal perforation repair, mastoid obliteration for the treatment of chronic
otitis, tibial plateau fracture repair, and bone repair after small tumor resection. Although this
material degrades slowly, as it can remain present in the body fourteen years after implantation,
it has been found that bone incorporates well with the bioglass and that the newly formed bone
tissue is stable, with clinical success rates at least comparable to the gold standard procedure
(autologous bone graft).[120] The use of bioglass could therefore replace the autologous bone
graft and would circumvent a second operating site in the patient, providing more comfort
for the patient and the surgeon. Thanks to its antimicrobial properties, S53P4 bioactive glass
is also a promising candidate for the treatment of osteomyelitis, which is an infection of
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bone and bone marrow. Osteomyelitis is commonly treated with surgical implantation of non
degradable polymeric beads loaded with antibiotics, that must be removed by subsequent
surgical intervention, usually after two weeks. The use of resorbable bioglass would therefore
avoid a second surgical intervention.[120]

However, the low strength and the brittleness of bioactive glass have largely hindered the
development of bioactive glass scaffolds for repairing segmental defects in structural (load-
bearing) bones, also called structural bone defects.[117] Synthetic scaffolds for bone repair
should be osteoconductive and osteoinductive, and they should have a 3D microstructure
capable of supporting new bone infiltration and angiogenesis (blood vessels formation and
growth) to sustain new bone growth, which goes through an interconnected porous network.
The scaffold should also be bioactive, with the ability to convert to hydroxyapatite at a rate
comparable to new bone ingrowth.[117] In this context, mesoporous bioglasses are being
developped, with highly ordered interconnected mesopore channels of pore size ranging from
several nm to hundreds of µm, which provides bioglasses with higher specific surface area,
improving the colonization by the host bone.[117, 119] However, making porous bioactive
glass further decreases the mechanical properties of the scaffold. Therefore, combining bioglass
with other materials, such as polymers, is currently under investigation to create composite
scaffolds with suitable mechanical properties for the repair of structural bone defects, but this
still requires improvements before being applied in clinics.[117] Finally, bioactive glasses can
be used as coatings on prostheses, but because of their resorbable nature, the prosthesis will
lose the coating over time.[7]

FIGURE 1.6 – Bioactive glasses used for orthopedic, maxilla facial and spine surgery a) in the
form of granules or b) in the form of a paste that can be injected. From noraker.com

Metallic materials

Metallic materials have been widely used in orthopedic surgery for making temporary
devices, such as plates, pins, and screws, or permanent implants for total joint replacement. They
are also used in dentistry as tooth fillings for example.[10, 11] Due to their high mechanical
strength and fracture toughness, they are useful for load-bearing applications.[10] Metallic
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biomaterials can be divided into four groups depending on their composition : stainless steels,
cobalt-based alloys, titanium-based alloys and other materials, such as shape memory nickel-
titanium alloys (nitinol) and degradable magnesium alloys. If medical implants made of the
metallic materials in the first three groups have been approved by the FDA (United States Food
and Drug Administration) and are routinely used in orthopedic practice, it is not the case for the
last group.[11]

Stainless steel is the generic name for a number of iron-based alloys that contain a high
percentage (11-30 wt%) of chromium and varying amounts of nickel. Chromium and nickel
contribute to increased corrosion resistance by forming a protective oxide film on the surface of
the alloy. The addition of other alloying elements, such as molybdenum, may enhance resistance
to specific corrosion mechanisms, or develop desired mechanical and physical properties.
However, it has been found that the stainless steels alloys generally used in clinical applications
were not sufficiently corrosion resistant for long-term use (Figure 1.7a). In addition, these alloys
also present a poor fatigue and wear resistance, leading to fractures several months or years after
implantation (Figure 1.7b), and present toxicity and carcinogenicity due to the release of nickel
and chromium. Nowadays, stainless steels are rarely used in any permanent implant devices,
except for Orthinox stainless steels, which are high-nitrogen, nickel-free stainless steels, that
are used to make permanent hip prostheses.[11]

Cobalt-chromium based alloys are superior to stainless steels in corrosion resistance, thanks
to the high chromium content that leads to spontaneous formation of a passive oxide (Cr2O3)
layer. The corrosion resistance is also improved by adding molybdenum and nickel. They
present superior mechanical properties over stainless steels, with better fatigue resistance,
making them an ideal choice of materials for total joint replacements[11], although fracture of
the prosthesis can occur (Figure 1.7d).[121] However, cobalt-chromium alloys are expensive,
and similarly to stainless steels, there are concerns about the toxicity of the elements released
from cobalt-based alloys (Ni, Cr, and Co).[11]

The use of titanium alloys as biomaterials has been increasing, notably Ti-6Al-4V alloys,
due to their lower modulus (closer to the modulus of bone), superior biocompatibility and
enhanced corrosion resistance as compared to stainless steels and cobalt based alloys. In
addition, titanium alloys would have the ability to bond with bone. In general, once a material is
implanted into the bone, the body naturally forms a capsule around that material in recognition
of it as a foreign body, and the formation of this capsule tissue contributes to the loosening
of permanent implants. But in the case of titanium alloys, the implants demonstrate intimate
integration with host bone tissue. This is thought to be due to the formation of titanate (Na2TiO3)
on the surface of Ti alloy, which progresses further to result in the formation of carbonated
apatite (hydroxyapatite with PO3−

4 substituted by CO2−
3 ). Subsequently, collagen fibers of the
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host bone would insert into the carbonated apatite layer on the implant, forming a bond between
the implant and the host tissue. This bonding can be a problem for temporary implants or
implants that need to be retrieved due to rupture. As such, titanium alloys are primarily used
in permanent implants or short-term temporary devices that will be retrieved before bone
bonding is formed. Titanium alloys suffer from poor shear strength and wear resistance that
often cause premature rupture of the implant(Figure 1.7c). In addition, different alloys are
being developped as the release of Al and V from Ti-6Al-4V alloys would be involved in
long-term health problems such as Alzheimer’s disease, other neuropathies and osteomalacia
(disease characterized by the softening of the bones).[11]

FIGURE 1.7 – Examples of failure of metallic prostheses for total hip replacement. Stainless
steel prostheses a) corrosion and b) failure after 9 years of implantation. c) Typical titanium
(Ti-6Al-4V) prosthesis and d) cobalt-chromium prosthesis premature failure of the neck after
10 to 15 years of implantation.[11, 121]

It has to be noted that stainless steel, cobalt-based alloys and titanium-based alloys have
much higher Young’s modulus than that of bone (4 times to 20 times higher) resulting in a stress-
shielding effect. Stress-shielding occurs as the implant may shield parts of the surrounding
bones from load and concentrate forces in other parts. If the stress is concentrated in areas that
have not previously been exposed to high loads, these areas can be damaged, which results
in bone fracture. Then, if stress-shielding reduces the load previously seen in areas around the
implant, those areas may remodel in response, by producing a smaller amount of bone tissue and
a less dense bone tissue. The interface between the bone and the implant is therefore deteriorated
as the bone is weakened, with potential loosening and fracture of the bone, the interface, or the
implant.[10, 11]
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The use of magnesium alloys as orthopedic implant materials is currently under
investigation as it would present several benefits. Magnesium has a similar density and Young’s
modulus to that of bone, which would avoid any stress-shielding effect. Magnesium alloys
have controllable corrosion rates, and thus resorbability, in physiological media, which would
provide resorbable implants allowing native tissue to integrate with the implant and eventually
replace it. In addition, the major alloying elements used (Mg and Ca) can be tolerated by
the body at relatively high levels. However, the main issue of these alloys is the fact that the
degradation of Mg alloys leads to the formation of hydrogen gas that accumulates around the
implant. Magnesium glasses are investigated as an alternative to crystalline alloys to address
the issue associated with the hydrogen bubble effect.[11]
The first widespread medical application of nickel-titanium alloys, also called nitinol, was for
the fabrication of intra-vascular stents. This has been driven by their good workability, good
resistance to corrosion, and shape memory effect. Shape memory is the ability of nitinol to
undergo deformation at one temperature, stay in its deformed shape when the external force is
removed, then recover its original, undeformed shape upon heating. The stent can therefore be
deformed to get smaller and more easily introduced into a blood vessel, and subsequently return
to its undeformed shape and maintain the structure of the blood vessel. Their use as orthopedic
implant materials to make correction rods for scoliosis and fixation staples for long bones is also
investigated. Indeed, NiTi alloys are interesting as they would have a better corrosion resistance
than Cobalt-chromium alloys or stainless steels, and they would possess the closest Young’s
modulus to that of cortical bone of human (30-50 GPa). However, their fatigue resistance would
be lower than that of stainless steels, cobalt and titanium based alloys, and there is still no
convinving evidence that NiTi alloys are better than the existing competitors.[11]

Polymeric materials

Polymeric materials are gaining interest for bone replacement because their physical
characteristics can be molded according to their application as they can be produced in a
more porous or smooth form, they are easily manipulated, and they are lighter than metals.
However, their main disadvantage is their inferior mechanical properties as compared to
ceramics, bioglasses, metals, and bone. In addition, they generally lack adhesion to the living
tissues.[12, 13]

Poly(methylmethacrylate) (PMMA) is a biocompatible, biologically inert, and hydrophobic
polymer. PMMA is used as cement for orthopedic prostheses fixation, such as hip prostheses, for
filling craniofacial defects (Figure 1.8), for repairing fractured vertebrae, and in dentistry.[12]
Commercial cements are sold as a powder containing linear PMMA, a polymerization initiator
(benzoyl peroxide), radio-opacifiers (barium sulphate BaSO4, zirconia ZrO2), and antibiotics
like gentamycin, and a liquid containing methyl methacrylate monomers, a catalyst (N,N-
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dimethyl para-toluidine), and a stabilizer (hydroquinone).[122] The cement is prepared at the
time of the surgery by mixing the powder with the liquid phase which form a paste that can
be casted around the prosthesis and subsequently hardens. Being a plastic material, PMMA
does not have osteoinduction, osteoconduction, and osteogenesis properties[7, 122], although
making a porous material can improve the osteoconductivity.[7] Its compressive strength is
similar to bone, but it is not resorbable and the on-site preparation before the surgery can lead
to significant variations between patients.[7] In addition, PMMA cements suffer from several
other drawbacks such as the presence of residual monomer that can enter the bloodstream and
cause embolism, the high temperature released during cement mixing that can produce thermal
necrosis in the bone or adjacent tissues, the shrinkage of cement during polymerization that
can produce free spaces and loss of contact between cement and prosthesis/bone, the excess of
tension that can cause cement fractures and release of cement particles, which can subsequently
interact with the surrounding tissues, generating an inflammatory reaction.[12, 122]
Poly(ether-ether-ketone) (PEEK) is a biocompatible and chemically resistant polymer that has
found several applications for bone repair. PEEK is implanted as spinal cages or spacers in
patients suffering from spinal diseases (Figure 1.8). It is also used as screws for the fixation
of bone fracture repair devices, as well as for making partial dentures. The main drawback of
PEEK is the fact that it is biologically inert, therfore not providing a good interaction with the
bone tissues surrounding the implant, which can trigger implant failure.[12]
Ultra-high molecular weight polyethylene (UHMWPE) is widely used to fabricate components
of hip, knee, and shoulder prostheses[123] (Figure 1.8) considering that UHMWPE has an
elastic modulus closer to the bone than other materials commonly used in prostheses such as
cobalt and titanium alloys. Nevertheless, UHMWPE is a bioinert material, and its fixation to
the bone is only possible using PMMA as bone cement. In addition, during joint movements,
wear of the polymer surface occurs which releases residues of the polymeric material and may
cause osteolysis (bone resorption), aseptic loosening, and inflammation at the implant interface,
leading to the need for surgical revision.[12]
As previously mentioned, some efforts are dedicated to making composite materials by
combining polymers and ceramics such as hydroxyapatite. The polymer would provide
improved mechanical properties as compared to the ceramic alone, while hydroxyapatite
would provide greater integration between the bone tissue and the implant. Nonetheless, such
composites still have drawbacks such as the formation of wear particles and the material’s poor
fatigue resistance.[12]
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FIGURE 1.8 – Polymeric materials used for bone repair. Chemical structure of a) poly(ether-
ether-ketone) (PEEK), b) poly(methylmethacrylate) (PMMA), and c) polyethylene. Examples
of use of polymeric materials for bone repair. d) Porous PEEK cervical cage. From odtmag.com.
e) PMMA customized implant to correct trauma and/or defects in maxillofacial or craniofacial
bone. From Stryker.com. f) Cup fabricated from ultra high molecular weight polyethylene used
as articulating surface of a total artificial hip prosthesis.[123]

While the previously mentioned polymers are not degradable, researchers are now focusing
on the use of biodegradable polymers for bone defect repair, as the implanted material could
degrade over time and progressively be replaced by bone tissue. These polymers can be
natural polymers, such as chitosan, silk fibroin, fibrinogen, collagen, and hyaluronic acid. They
have been extensively studied as bone defect repair materials due to their biodegradability,
bioactivity, and biocompatibility. In addition, some of them have natural adhesion ligands,
such as GFOGER, DGEA, and RGD amino-acid sequences, that can promote cell adhesion.
However, they also have some shortcomings such as high water solubility, poor mechanical
properties, possible denaturation during processing, and batch-to-batch variability and possible
immunogenicity depending on their source.[13] Synthetic polymers offer the advantage of
having controllable design and synthesis parameters, which can provide biomaterials with
tunable properties. In recent years, the most studied synthetic degradable polymers are aliphatic
polyesters, such as poly(ε-caprolactone) (PCL), polylactic acid (PLA), polyglycolic acid (PGA)
(Figure 1.9) and copolymer of poly(lactic-co-glycolic acid) (PLGA). However, PCL showing
a slow degradation rate and poor mechanical properties, it is not an ideal bone defect repair
material. While PGA has been used as the first biodegradable suture in clinical practice, its
excessively rapid degradation rate in vivo makes it not suitable for repairing bone defects.
Because of its high mechanical strength and porous structure, PLA is widely studied for bone
repair applications. PLGA copolymers also attract the interest as their properties, such as
the degradation rate and the mechanical properties, can be modulated by changing the ratio
of PLA and PGA. However, the utility of PLGA is limited in bone repair because of poor
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osteoconductivity and hydrophobicity.[13] In addition, PLA and PGA degrade into their original
monomers, lactic acid and glycolic acid respectively, which decreases the pH in the surrounding
tissues, leading to local inflammatory reaction and poor tissue regeneration.[124]

FIGURE 1.9 – Synthetic degradable polymeric materials investigated for use in bone repair.
Chemical structure of a) poly(ε-caprolactone) (PCL), b) polylactic acid (PLA), and c)
polyglycolic acid (PGA).

1.3.3 Bone repair by using biological products

As the use of autografts and allografts is related to many complications such as donor
site morbidity, infection, immune response, and virus transmission, while synthetic grafts are
not performant enough in terms of osteoinduction, osteoconduction, and osteogenesis, other
strategies are developed which consist in using biological products and molecules naturally
found in the body that are involved in bone physiology.

Demineralized bone matrix

Demineralized bone matrix (DBM) is bone that has been acid-treated in order to remove the
mineral matrix, while maintaining the organic matrix (mainly collagen with some non-collagen
proteins), growth factors, and residual calcium phosphate mineral (1-6%). As the remaining
collagen proteins in DBM can provide a 3D configuration for ingrowth of host capillaries and
osteoprogenitor cells into the graft, DBM has been demonstrated to be an osteoconductive and
osteoinductive substitute.[1, 118, 125] Nevertheless, a large rate of the osteogenic capacity of
bone is lost during its processing. In the meantime, the original cells and possible bacteria in the
allogeneic bone are killed during the acidic treatment, which could reduce the risks of immune
rejection and infection.[1, 118, 125]
Currently the most popular DBM product is a moldable bone paste, which can be casted
into the defect site. These moldable DBM product are made of the combination of DBM
powder/particles with biocompatible viscous carriers, which provides a stable suspension of
DBM powder/particles.[125] DBM can also be provided as blocks, strips, and putty, of various
shapes and sizes (Figure 1.10). However, considering the low mechanical properties of such
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material, DBM is only used for filling purposes and generally not as a stand-alone bone
substitute.[118]

FIGURE 1.10 – Examples of bone grafts substitutes made from demineralized bone matrix.
The products are designed with different shapes and sizes and can be blocks or strips of pure
demineralized bone matrix (porous white materials), or a mixture of demineralized bone matrix
and a viscous phase that provides a putty or a paste that can be molded into the bone defect
(yellow materials). From zimmerbiomet.com

Platelet-rich plasma

Platelet-rich plasma (PRP) is obtained by centrifugation of blood to obtain blood platelets,
that are subsequently mixed with thrombin and calcium chloride to form a gel.[14, 118, 126]
Thrombin is a stimulator of platelet activation, as it causes a burst release of platelet contents
(70% within 10 minutes), such as cytokines and growth factors, while the association of
thrombin with calcium chloride (CaCl2) produces a gel that slightly slowers down the release.
Indeed, during the lifespan of the platelets, they continue to synthesize and secrete additional
growth factors that will be released progressively thanks to the gel. Upon activation of platelets,
they release their growth factors and cytokines that regulate the inflammatory phase of bone
healing and subsequently modulate callus formation and bone remodeling, as well as regulate
cell proliferation and differentiation.[126]
PRP therapy constitutes a cost-effective, safe, reliable, and easy method for accelerating and
improving tissue healing and regeneration. Furthermore, PRP can be made from the blood of
the patient, therefore eliminating the issues of immunogenicity and disease transmission related
to allogenous bone grafts. In addition to the soft tissues, PRP has been used in the treatment of
osteoarthritis (degradation of cartilage tissue in the joints), oral and maxillary surgery, and repair
of large bone defects. However, the platelet lifespan is approximately 7 to 10 days which is less
than that of bone healing. Consequently, PRP is supposed to influence early bone healing rather
than late bone formation.[126] In addition, it does not present any mechanical resistance. PRP
is therefore not validated as a stand-alone bone substitute, but is rather used as a supplement to
other materials such as bone grafts.[118]
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Growth factors

As previously mentioned, growth factors play an important role in modulating cellular
activities. Indeed, growth factors bind to target cell receptors and induce an intracellular signal
transduction that reaches the nucleus and determines the biological response. Since growth
factors are involved in all phases of bone repair, increasing attention is brought to the use of
growth factors for the treatment of bone defects. The main growth factors acting on the skeleton
are fibroblast growth factor (FGF), vascular endothelial growth factor (VEGF), platelet-derived
growth factor (PDGF), insulin-like growth factors (IGFs), transforming growth factor-β (TGF-
β), and bone morphogenetic proteins (BMPs).[14] Considering that only BMPs, and especially
BMP-2 and BMP-7, are currently used in clinics for bone regeneration, they will be presented
in a separate section.

The fibroblast growth factor (FGF) family comprises 22 members that have different roles
and modes of action.[127, 128] Indeed, FGFs have various biological functions that occur
both in vivo and in vitro, including roles in mitogenesis, cellular migration, differentiation,
angiogenesis and wound healing.[127] Among the 22 members of the FGF ligand family,
it has been found that FGF-2, -9 and -18 in particular have important roles during bone
development.[127, 128] FGF-2 would be the most common FGF ligand used in the regenerative
medicine field including bone regeneration. FGF-2 would enhance osteoprogenitor cells
proliferation and differentiation towards osteoblasts, similarly to FGF-9 and -18[127, 128],
and induce angiogenesis.[128] FGF-9 would also promote chondrocyte hypertrophy and
neovascularization during bone healing.[128]
Vascular endothelial growth factor (VEGF) is an important growth factor that stimulates the
growth of new blood vessels as it regulates the proliferation, migration and activation of
endothelial cells constituting blood vessels. VEGF therefore indirectly contributes to bone
formation and regeneration as angiogenesis will bring bone-forming progenitor cells as well
as nutrients, oxygen, and minerals necessary for mineralization. During endochondral bone
formation and repair, VEGF would actively contribute to bone synthesis by inducing the
migration of osteoblastic cells into the primary ossification center together with blood vessels,
osteoclasts and hematopoietic stem cells. It would also regulate the differentiation of stem cells
from bone marrow into either chondrocytes or osteoblasts.[127, 129]
Platelet-derived growth factor (PDGF) is involved in bone regeneration as it increases the
numbers of mesenchymal stem cells in the defect site by recruiting them and increasing their
proliferation. The bone regeneration is facilited by the initiation of mitosis in stem cells and
endothelial cells, as well as the activation of osteoblasts and vascular growth directed by
PDGF.[127, 130]
Insulin growth factors (IGFs) are polypeptides with high sequence similarity to insulin. Among
them, IGF-I is the most abundant in skeletal tissues. IGF-I has been found to regulate the
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growth, proliferation, survival, and differentiation of osteoblasts, as well as the differentiation
of osteoclasts, therefore playing an important role in skeletal growth. IGF-I would also promote
angiogenesis which is a key event in bone regeneration.[127, 131]
The transforming growth factor-beta (TGF-β) superfamily is comprised of over forty
members that have been found to promote osteoprogenitor proliferation, early differentiation,
and commitment to the osteoblastic lineage. They would be involved in endochondral
and intramembranous ossification, as mice deficient of one or several TGF-β isoforms
display reduced bone growth and mineralization. Finally, TGF-β signaling would play an
essential role in coupling bone formation and bone resorption and maintaining normal bone
homeostasis.[132]

Although growth factors present multiple interesting effects in bone growth and
regeneration, their short biological half-life, lack of long-term stability and tissue selectivity,
and possible toxicity and risk of tumor-promoting activity limit their therapeutic application
and require controllable and sustainable delivery. Indeed, a direct injection of growth factors in
soluble form into a regeneration site is generally not effective, due to rapid diffusion of growth
factors away from the injection site, which can result in ectopic bone formation, which is the
formation of bone in soft tissues outside the skeletal tissue. Therefore, delivery to the bone
regeneration site through a carrier matrix would be more appropriate.[14, 127]

Bone Morphogenetic proteins

Bone Morphogenetic proteins (BMPs) belong to the transforming growth factor (TGF-β)
superfamily. To date, over 20 BMPs have been recognized.[15, 16, 133, 134] Based on the
sequence homology and the known functions, BMP family members are generally classified
into four categories : BMP-2/4, BMP-5/6/7/8, BMP-9/10 and BMP-12/13/14[15, 133], while
other BMPs do not have proven osteogenic properties.[133] BMPs play important roles
in maintaining bone mass by inducing the differentiation of mesenchymal stem cells into
osteoblasts and thus, increasing the number of mature osteoblasts.[15, 133] Among the
BMPs, BMP-2, BMP-4, BMP-6, BMP-7, and BMP-9 would play more important roles in
ossification.[15]
Human BMP-2 is an acidic glycoprotein with molecular weight of approximately 32 kDa
and containing 114 amino acid residues. BMP-2 plays a significant role in stimulating the
differentiation of mesenchymal cells into osteoblasts, and regulating the transcription of
osteogenesis-related genes such as ALP (Alkaline Phosphatase), type-I collagen, osteocalcin,
and bone sialoprotein genes. BMP-4 would be a stimulating factor during early stage
ossification as it would cooperate with VEGF to stimulate the gather of mesenchymal stem
cells, enhancing their survival capability and enlarging bone formation.[15] BMP-6 plays a
role in inducing the differentiation of mesenchymal stem cells into osteoblasts and stimulating
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calcification of the cellular matrix.[15] The major biological functions of BMP-7 would be to
induce the differentiation of mesenchymal stem cells surrounding the bone fracture site into
chondrocytes and osteoclasts, and stimulating the expression of different substances needed for
induction of osteogenesis.[15] Finally, BMP-9 induces the differentiation of mesenchymal stem
cells into osteoblasts and osteoclasts.[15]

As previously mentioned, among BMPs, only recombinant human BMP-2 and BMP-7 are
currently used in clinics (recombinant proteins are produced by a cell whose genetic material has
been modified by genetic recombination). They have been tested in several preclinical studies
showing the ability to induce bone regeneration, and evaluated in clinical trials to treat various
bone disorders such as non-unions (fracture that fail to heal without a surgical intervention),
open fractures, and osteonecrosis.[16] The use of BMP-2 has been approved in 2002 by the
European Medicines Agency (EMA) for the treatment of lumbar spine fusion and acute tibial
fractures in adults. Later the same year, the American Food and Drug Administration (FDA)
approved the use of BMP-2 for the treatment of open tibial fractures.[16, 17, 133] In 2007,
FDA approved the use of BMP-2 for maxillary sinus and alveolar ridge augmentation to enable
installation of dental implants.[17, 133] BMP-7 received official approval by EMA in 2004 for
the treatment of recalcitrant long bone non-unions.[16, 17, 133] It has to be noted that BMPs are
relatively soluble in aqueous media and would therefore be rapidly cleared from the defect site
and diffuse into adjacent tissues if not maintained by an appropriate carrier. Several materials
have been tested in pre-clinical settings for the release of BMPs, such as collagen, calcium
phosphate ceramics, and synthetic polymers, but only bovine collagen based BMPs delivery
devices are used in clinics (Figure 1.11).[16]

FIGURE 1.11 – InfuseTM Bone graft is composed of human bone morphogenetic protein-2
applied to an absorbable collagen sponge carrier. The BMP-2 containing solution has to be
applied on the collagen sponge carrier before the surgery. The collagen sponge carrier exists in
different sizes. From Medtronic.com
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However, the local delivery of BMPs at supra-physiological concentration can cause
several complications. Considering the more intensive clinical use of BMP-2 than BMP-7, the
complications related to the use of BMP-2 for bone repair are well documented.
The most recognized adverse event related to BMP-2 use is ectopic bone formation (the
formation of bone in soft tissues outside the skeletal tissue).[16, 17, 133, 134] This is due to
BMP-2 leakage outside the implant site, which causes multiple non-osteoblastic cells to undergo
osteogenic programming when exposed to BMP-2, and therefore produce bone tissue outside
of bone.[17]
As BMP-2 enhances osteoclastic activity, it might lead to osteolysis (bone resorption), and
further to implant displacement or loosening.[16, 17, 133, 134] In addition, BMP-2 has also
been found to promote adipogenesis, which might cause lipid deposition in the forming bone,
providing bone with poor mineral quality and poor density.[17]
Local inflammation secondary to BMP-2 implantation could also cause seroma[16, 17, 134]
(accumulation of blood plasma) that can be harmful depending on its location, radiculitis[16,
17] (inflammation of spinal nerve root), as well as swelling of the neck and throat tissues when
used for spine fusion[17, 133, 134], resulting in compression of the airway and neurological
structures of the neck, and difficulty breathing or speaking.[17] Wound complications and
infection have also been reported.[16, 17, 134]
Finally, some concerns are brought about the role of BMP-2 in cancer as BMP-2 is generally
upregulated in diverse tumors and is associated with tumor cell proliferation and invasion.
However, there is no formal evidence yet that the use of BMP-2 increases the risk of
cancer.[17, 134]

The use of BMPs in clinical applications therefore still requires optimization of the
concentration and dose of BMP, to try to reduce the clinical complications related to their
supra-physiological concentration, the control of BMP delivery, and the carriers used to deliver
BMPs.[16, 17, 134]

1.3.4 Bone tissue engineering

It is estimated that 1.6 million bone grafts are used annually in the U.S. for degenerative
diseases, injuries, tumors, and infections, accounting for approximately $244 billion,
with trauma and fracture management representing almost 40% of those costs.[20] The
reconstruction of damaged bone therefore constitutes an area of general interest and remains
a real clinical issue, especially in the case of large bone loss. Although autografts constitute
the gold standard for bone repair, they have several drawbacks such as donor site morbidity
and surgical complications including pain, hemorrhage, infection, and nerve injury at the donor
site.[20] To overcome that, synthetic and natural bone substitutes have been developed and
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applied in clinics. However, as previously mentioned, the use of these bone substitutes alone is
not sufficient to induce proper bone reconstruction. After 10 years of incorporation, as high
as 60% of grafts may fail to integrate, leading to non-unions and late graft fractures.[20]
Consequently, a new strategy, called tissue engineering, has emerged for tissue regeneration
by trying to exploit the regenerative properties of bone physiological processes.
Tissue engineering approach is based on the combination of (1) a biocompatible scaffold
that closely mimics the natural bone extracellular matrix niche, (2) osteogenic cells to lay
down the bone tissue matrix, (3) signals (bioactive agents) that help to direct the cells to the
phenotypically desirable type and promote sufficient vascularization to meet the growing tissue
nutrient supply and clearance needs (Figure 1.12).[18, 19, 20, 21, 135, 136]

FIGURE 1.12 – Tissue engineering approach is based on the combination of (1) a biocompatible
scaffold that closely mimics the natural bone extracellular matrix niche and degrades over time,
(2) osteogenic cells to lay down the bone tissue matrix, (3) bioactive agents that help to direct
the cells to the phenotypically desirable type and promote sufficient vascularization to meet the
growing tissue nutrient supply and clearance needs.[18]

The scaffold plays a crucial role in bone tissue engineering as its purpose is to mimic the
structure and function of the natural bone extracellular matrix, which can provide a three-
dimensional environment to promote the adhesion, proliferation, and differentiation of cells
and to have adequate physical properties, such as porosity to promote the colonization of the
scaffold by cells and blood vessels, and mechanical properties for bone repair.[19, 21] The
scaffold should be degradable in order to gradually degrade until the new bone tissue completely
replaces it.[19, 136] Bioresorbable biomaterials investigated for bone tissue engineering are
generally natural polymers (such as collagen, gelatin, silk fibroin, and chitosan), synthetic
polymers (such as PLA, PGA, and PCL) and ceramics (such as hydroxyapatite, β-TCP, and
bioactive glasses).[18, 19, 20, 22]
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It is known that, in vivo, biochemical signals (growth factors, hormones, and cytokines),
secreted locally at the injury sites, cause the migration of inflammatory and precursor cells
and/or the differentiation of mesenchymal stem cells, and activation of osteoblasts and
osteoclasts. Including growth factors in the scaffold, such as BMP-2, BMP-7, VEGF, PDGF,
TGF-β, would greatly help in directing cell behavior to promote bone tissue and blood vessels
production.[18, 20, 22, 135] In addition, physical entrapment or covalent binding to the scaffold
would be an appropriate approach when a prolonged, more controlled, or on-demand release of
the growth factor is required[21], and might be more efficient than the collagen sponges loaded
with BMP-2 already used in clinics.

Osteoblasts being regulators of bone deposition, modeling, and remodeling, they represent
an excellent cell source for a successful cell-based skeletal treatment. In addition, the risk of
rejection of the tissue engineered construct might be reduced by using autologous cells (cells of
the patient).[21] However, technical difficulties associated with their harvesting, expansion into
meaningful numbers and phenotypic maintenance undermine the benefits of using primary cells.
Consequently, various types of stem cells (embryonic stem cells, induced pluripotent stem cells,
mesenchymal stem cells) have been largely proposed as a viable and easy source of osteoblast
progenitors during the creation of engineered bone implants.[20] Among them, mesenchymal
stem cells are highly studied, as they are directly involved in bone formation and regeneration.
The recruitment of endogenous MSCs (MSCs from the body) to bone defect sites could be
triggered by local injection of growth factors or implantation of a scaffold carrying growth
factors. In such cases, the ex vivo MSC manipulation, that can affect their phenotypic
and molecular profiles, would not be required. However, in some cases the recruitment of
endogenous MSCs might not be adequate as the MSC functionality has been shown to be
affected by intrinsic factors such as patient’s pathological conditions. For example, patients
with non-unions (fracture that fail to heal without a surgical intervention) were shown to exhibit
a decreased pool of bone marrow MSCs, as well as changes in the serum levels of hormones and
growth factors required for MSCs recruitment and proliferation.[20] The combination of MSCs
to the scaffold carrying growth factors therefore seems to be a better approach to effectively
stimulate bone regeneration.

Finally, if the tissue engineered construct could be directly implanted into the body,
the use of bioreactor cultivating systems for three dimensional cell-scaffold constructs has
been proposed to achieve homogeneous bone tissue development at clinically relevant sizes.
By enabling reproducible and controlled changes of specific environmental factors (pH,
temperature, pressure, nutrient supply and waste removal), bioreactors would allow for
automated and standardized tissue manufacturing.[135]
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Although tissue engineering constitutes a promising approach for the regeneration of
damaged tissue, including bone, many challenges remain to be elucidated in order to translate
tissue engineering from the laboratory to the clinics. For example, vascularization remains
a challenging technical obstacle in bio-fabrication that has prevented the development of
clinically successful engineered constructs.[21] In addition, it is recognized that several factors
contribute to mediating cell-material interaction. A major challenge is therefore to elucidate the
cellular and molecular mechanisms of stem cell actions in bone defect therapeutics, as well as
optimize cell-material interactions in order to guide cell behavior and obtain the desired cell
response for bone reconstruction.[20, 21, 22]
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Chapter 2

Mesenchymal stem cells and hydrogels for
bone repair

This chapter presents different types of stem cells that can be used for bone tissue
engineering, with a particular focus on mesenchymal stem cells (MSCs). Then, the use of MSCs
in various clinical applications and their limitations is mentioned. Subsequently, the influence
of the in vitro culture conditions of MSCs on their osteogenic differentiation is discussed.
Finally, hydrogels are presented as a better platform for cell culture and for the understanding
of cell-material interactions, that is crucial for the development of effective strategies for bone
regeneration, as compared to the traditionally used materials (plastic, glass...).

2.1 Stem cells as a new strategy for bone repair

One key element of current research is to use the cells of the patient to regenerate defective
or missing organs. To regenerate bone, the first strategy would therefore be to directly collect
and use pre-differentiated cells (preosteoblasts) or osteoblasts. This would allow to quickly
obtain functional bone cells synthesizing extracellular matrix. However, similarly to bone
collection for a bone graft, bone cells collection can cause complications at the collection site.
In addition, osteoblasts proliferation remaining limited, it is difficult to obtain the high number
of cells needed to regenerate an important bone fragment.[20, 23, 24] In this context, stem cells
constitute promising candidates for tissue engineering and regenerative medicine. Stem cells
are undifferentiated cells that can, under particular conditions, differentiate into specialized cell
types.[3]
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2.1.1 Embryonic stem cells

Embryonic stem cells (ESCs) are pluripotent stem cells, i.e. cells that have the ability
to undergo self-renewal and to give rise to all cells of the tissues of the body[137], which
makes them highly attractive for regenerative medicine in general. Indeed, because ESCs are
pluripotent, with high proliferative activity, they can potentially be used as a single source for
the derivation of multiple lineages present in adult bone, including osteogenic cells, vascular
cells, osteoclasts, and nerve cells for bone regeneration.[135] There have been multiple studies
demonstrating that human ESCs treated with osteogenic factors (β-glycerophosphate, ascorbic
acid and dexamethasone) undergo differentiation toward an osteogenic lineage.[20, 135]
However, ESCs require complex proliferative culture conditions, including various growth
factors, feeder cell layers (layer of cells unable to divide, which provides extracellular secretions
to help another cell to proliferate), specific culture media and/or coated culture plates.[20, 135]
In addition, their use in research and clinics is limited, or even prohibited, due to ethical
considerations, for human embryos. Furthermore, their implantation can lead to an immune
response of the patient, as the cells come from another individual, or to tumor formation when
they are cultivated in vitro and implanted in vivo.[3, 20, 135]

2.1.2 Induced pluripotent stem cells

Induced pluripotent stem cells (iPSCs) constitute an ethical alternative to embryonic stem
cells. iPSCs are pluripotent stem cells that are artificially derived from a non-pluripotent cell
via the induction of a "forced" expression of specific genes.[135] iPSCs were first produced
from mouse fibroblasts by retroviral delivery of four transcription factors (Oct4, Sox2, Klf4,
and Myc) in 2006, which induced a pluripotent state comparable to ESCs.[20, 135] The
reprogrammed cells can even be those of the patient to avoid any immune response.[3, 20, 138]
However, the reprogramming efficiency is quite low and the expansion time of the cells is
high. In addition, their use in clinics is still limited due to the little knowledge and hindsight
about their handling and behavior.[3, 20, 138] For example, the potential formation of teratomas
(tumors formed by pluripotent cells that differentiate into cells that produce mature tissues in
inappropriate places in the body) after implantation of iPSCs is of clinical concern.[20, 135]
Additional research is also needed to determine the best starting cell for iPSC generation for
human clinical applications.[135]
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2.1.3 Mesenchymal stem cells

Adult stem cells therefore constitute an alternative to ESCs and iPSCs. Adult stem cells can
be found in various adult tissues but have a limited differentiation capacity. They are highly used
for regenerative medicine as they can be extracted from the patient, cultivated in vitro, exposed
to the appropriate factors to direct their differentiation, and implanted to the patient without any
immunogenicity considerations.[3]
Mesenchymal stem cells are adult multipotent stem cells that can differentiate in vivo into
mesoderm-type cells such as osteoblasts (bone cells), chondrocytes (cartilage cells), and
adipocytes (fat cells) (Figure 2.1).[25] In addition, MSCs differentiation into other cell types
such as neurons, smooth muscle cells and hepatocytes has also been reported when the cells
were cultured in vitro.[25] MSCs can be isolated from many different tissues such as bone
marrow, adipose tissue, dental pulp, skeletal muscle, skin, umbilical cord blood, cartilage, and
others.[26]
Bone marrow-derived stem cells (BMSCs) are currently the most commonly utilized and
researched source of adult mesenchymal stem cells due to their relatively easy harvesting, high
proliferative capacity, and established regenerative potential.[20, 27] In addition, orthopedic
surgeons might be more comfortable with the concept of using marrow-derived MSCs because
cancellous bone is frequently used as autograft material in bone regeneration.[27] Nevertheless,
some studies are conducted on the comparison of MSCs from different sources and tend to
show that the frequency of MSCs in adipose tissue would exceed the frequency of MSCs
in bone marrow.[139, 140, 141] In addition, bone marrow MSCs would have similarities in
capacity for multilineage differentiation and secretion of bioactive factors with MSCs from
adipose tissue[142, 143] or cartilage[143] for example. Han et al. also showed that bone
marrow MSCs and adipose tissue MSCs have almost the same bone regeneration ability for the
repair of rabbit cranial defects.[144] However, contradictory results have also been obtained,
showing that MSCs from adipose tissue may have an inferior potential for both osteogenesis
and chondrogenesis as compared to bone marrow MSCs.[145] Therefore, there are still no
clear guidelines indicating which sources of MSCs are the most suitable for bone regeneration.
Finally, MSCs can also be obtained from the reprogramming of iPSCs. This strategy presents
several advantages as iPSCs can be easily generated in sufficient quantities from skin-derived
fibroblasts for example, and they present a high therapeutic potential regardless of the donor’s
age, which is not the case for bone marrow or adipose tissue MSCs, as iPSCs undergo
rejuvenation when they are reprogrammed.[141] Nevertheless, more studies are required to
evaluate the therapeutic potential of MSCs obtained from iPSCs derived from various origins in
order to treat specific diseases.[141]
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FIGURE 2.1 – Bone marrow MSCs have the ability to self-renew and differentiate into
mesoderm type cells. They would also have the ability to differentiate into other cell types
when cultured in vitro.[25]

Even though human mesenchymal stem cells can be extracted from different tissues, they are
all defined by expression of CD73, CD90, and CD105, by lack of expression of a series of other
cell surface markers such as CD11b, CD34, and CD45, by a fibroblastoid appearance (spindle-
shaped cells), and trilineage differentiation potential to generate chondrocytes, osteoblasts, or
adipocytes.[26]
MSCs osteogenic differentiation goes through different stages (Figure 2.2). MSCs are first in
a proliferative phase as they engage to pre-osteoblastic cells. Then, pre-osteoblasts mature
into osteoblasts that stop proliferating, and are involved into secretion, maturation, and
mineralization (calcium deposition) of the extracellular matrix (ECM). Once the ECM is
formed, osteoblasts can be embeded in the matrix and become osteocytes, or they can become
inactive cells that constitute a bone coating (bone lining cells), or else they can die by
apoptosis.[2, 4, 28, 29]
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FIGURE 2.2 – Stages of MSCs osteogenic differentation and expression of differentiation
markers. Adapted from [29, 146]

During the differentiation, the shape of the cells is found to vary. MSCs are long and narrow
cells, while osteoblasts are known as cuboidal cells, and osteocytes present a star-like shape
(Figure 7.5). Indeed, during the transition from osteoblasts to osteocytes, the cells undergo a
dramatic transformation from a polygonal cell to a cell with a reduced cytoplasmic volume and
extending dendrites.[147, 148]
As previously mentioned, bone formation is induced by MSCs condensation, with cells
forming three-dimensional structures called bone nodules. These nodules are generated by the
proliferation and condensation of osteoprogenitors, which further differentiate into osteoblasts.
Subsequently, the cells forming the nodule start producing the extracellular matrix, before
mineralizing it. At the beginning, these nodules are formed of 5 to 35 cells.[149] Their size
and thickness increase as a function of time and differentiation, although this increase is not
infinite. After 20 days, bone nodules are constituted of approximately a hundred of cells, with
a thickness of 70 to 100 µm. However, the in vitro observation of these nodules is far from
being systematic.[149] Indeed, many parameters have been found to influence bone nodules
formation, including the donor’s health status, gender, and age, the cell harvesting protocol, and
the properties of the culture substrate, such as its topography and composition.[149]
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FIGURE 2.3 – Fluorescence microscopy images of cells at different stages of osteogenic
differentiation. Cytoskeleton in green, nucleus in blue. A. Human MSCs are long and narrow
cells.[150] B. Human osteoblasts are cuboidal cells.[98] C. Human osteocytes have a star-like
shape.[29]

Specific factors and proteins are also expressed by the cells at the different stages of
differentiation (Figure 2.2). The main factors and proteins used to evaluate MSCs osteogenic
differentiation are listed below.
The markers STRO-1, CD105, and CD90 are cell surface proteins expressed by MSCs.[26]
Runx-2, also called Cbfα1, and Osterix are proteins that play the role of transcription factors,
which means that they regulate the transcription of specific genes, which are associated
with the osteogenic differentiation in their case. Runx-2 has been identified as an important
differentiation regulator in the osteoblast lineage, as an inactivation of Runx-2 in mice leads to
a delay in osteoblast differentiation, or even to the absence of osteoblasts. Runx-2 is expressed
at high levels in osteoblasts, as well as in all mesenchymal condensations that form to become
bone. Osterix is an osteoblast differentiation transcription factor that is expressed specifically in
osteoblasts.[113]
The markers collagen I (COL1), osteopontin (OPN), osteocalcin (OCN), and bone sialoprotein
(BSP) are proteins produced by osteoblasts and constituting the extracellular matrix, as
previously mentioned.[111]
Alkaline phosphatase (ALP) is an enzyme involved in the ECM mineralization. ALP is
expressed in early development of bone and calcifying cartilage. Human ALP is categorized
into four groups, depending on where they are predominantly expressed, with the tissue-non
specific alkaline phosphatase being found in hypertrophic chondrocytes and osteoblasts cell
membranes. During mineralization, ALP hydrolyzes extracellular inorganic pyrophosphate to
supply inorganic phosphate for hydroxyapatite production.[151, 152]
The markers E11, dentin matrix protein (DMP1), and sclerostin (SOST) are proteins expressed
by osteocytes.[153] E11, also called podoplanin, is a transmembrane glycoprotein and
is the earliest osteocyte-selective protein to be expressed as osteoblasts differentiate into
osteocytes.[147, 148] E11 is distributed along the osteocyte cell body and along the dendritic
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processes of the osteocyte,[154] and it has been found to play a role in dendrite formation
in osteocytes.[147, 154] These markers present different levels of expression depending on
the differentiation stage of the cell (Figure 2.4).[5] While E11 and DMP1 are early osteocyte
markers, sclerostin is expressed by mature osteocytes.[5] Nevertheless, the knowledge about the
transition of osteoblasts towards osteocytes is mainly based on in vivo observations from the
staining of histological sections. In addition, the in vitro study of osteocytes is still challenging
as isolating osteocytes from bone is a complex process, leading to very low yields, high cell
heterogeneity, and cells that may not express markers normally found in osteocytes, such as
sclerostin.[155, 156]

FIGURE 2.4 – A) Schematic diagram depicting the transitional stages that occur as osteoblasts
differentiate into mature osteocytes. During this process, the volume of the cell body and the
number of cell organelles decreases. 1=preosteoblast ; 2=osteoblast ; 3=embedding osteoblast ;
4=osteoid osteocyte ; 5=mineralizing osteocyte ; 6, 7=mature osteocytes. C) Table illustrating
the relative temporal expression of various osteogenic markers during the in vivo transition
from osteoblast to osteocyte as depicted in A). RUNX2 directs early osteoblast differentiation
and is expressed in both preosteoblasts and osteoblasts. OCN is expressed by mature osteoblasts
and early osteocytes. E11 is the earliest osteocyte marker to be expressed during differentiation,
but is not found in mature osteocytes in vivo. DMP1, CapG and MEPE expression is observed
in mineralizing and mature osteocytes, whereas sclerostin expression is confined to mature
osteocytes. Adapted from [5]

2.1.4 The use of mesenchymal stem cells in clinics

Mesenchymal stem cells have attracted much attention from researchers for their therapeutic
potential, mainly due to four unique properties. Firstly, their ability to migrate to sites
of inflammation following tissue injury when injected in the body, although the precise
mechanisms by which MSCs are able to migrate to and engraft in sites of injury remain not
fully understood. Secondly, their ability to differentiate into various cell types, which has
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prompted studies using transplanted MSCs to replace damaged or injured cells. Thirdly, their
ability to secrete multiple bioactive molecules (growth factors, cytokines, chemokines) capable
of stimulating recovery of injured cells and inhibiting inflammation. And finally, their lack of
immunogenicity and ability to perform immunomodulatory functions, as they could interact
with and modulate various types of immune cells.[30, 31]
In 2014, there were 425 clinical trials involving the use of MSCs, with 76% of them using
autologous MSCs. With regard to MSC type, bone marrow MSCs were the most used. The
main diseases applying MSCs for treatment were bone/cartilage disease, heart disease and graft-
versus host disease.[30] MSCs have been tested clinically for several regenerative approaches
in the skeletal system including osteoarthritis (deterioration of the protective cartilage at the end
of bones), non-union fractures, osteoporotic fractures, bone necrosis, leg length inequality, and
osteodysplasia (abnormalities of bone growth) (Table 2.1).[30, 31] In these clinical trials, MSCs
are generally administered by injection of MSC-enriched bone marrow aspirate or injection of
ex vivo expanded MSCs. They can also be loaded into various biomaterials (calcium phosphate
ceramics or collagen sponges) that will subsequently be implanted.[30]

Pathology Cell source Clinical trial Number of Route of
phase patients administration

Osteoarthritis Autologous
I/II 30

Intra-articular
BM-MSCs injection

Osteoarthritis Umbilical cord
III 104

Cartilage tissue
MSCs lesion injection

Knee Autologous
I 6 Not mentioned

Osteoarthritis BM-MSCs
Hip

BM-MSCs I 6
Intra-articular

Osteoarthritis injection
Non-union

BM-MSCs II 19
Non-union site

fracture injection
Osteoporotic Autologous

II 8
Implanted at the

fracture AD-MSCs bone void
Tibial Autlogous

I/II 24
Implanted at the

fracture BM-MSCs fracture site
Osteonecrosis of the Autologous

/ 50
Femoral head

femoral head BM-MSCs injection

TABLE 2.1 – Examples of clinical trials involving MSCs administration for bone repair. BM-
MSCs = bone marrow derived MSCs, AD-MSCs = adipose tissue derived MSCs. Adapted from
[30]

In addition to their differentiation potential, MSCs also influence the immune response
by modulating all types of immune cells.[32] This aspect makes them very attractive for
various clinical applications. Indeed, many clinical trials have been conducted with MSCs
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to treat various pathologies, and some examples are presented in Table 2.2. Osteogenesis
imperfecta, also called "brittle bone disease", is a genetic disease causing an alteration of
type I collagen produced by osteoblasts, and resulting in bones fragility and deformation.[33]
GvHD, or Graft versus Host Disease, is a complication that may occur for patients that receive
a tissue transplant. The immune cells of the implanted tissue recognize the patient as being
another individual and therefore react against him (contrary to graft rejection for which the
immune cells of the patient react against the implanted tissue).[33] Myocardial infarction is
caused by an obstruction of an artery resulting in the necrosis of cardiac tissue. Thanks to their
immunomodulatory abilities, MSCs would favor cardiac tissue repair.[33] Lupus erythematosus
is an auto-immune disease, which means that the immune system of the patient is turning against
him.[33]

Pathology Clinical trial Number of Route of
phase patients administration

Osteogenesis imperfecta I 6 Intravenous
Osteogenesis imperfecta I 1 In utero

Cartilage defect I 24 Intra-articular cartilage
GvHD II 55 Intravenous
GvHD II 32 Intravenous
GvHD II 37 Intravenous

Myocardial infarction I 69 Intra-coronary
Myocardial infarction I 53 Intravenous
Lupus erythematosus I 15 Intravenous

TABLE 2.2 – Examples of clinical trials involving bone marrow MSCs for their
immunomodulatory behavior. The administered MSCs were coming from a donor different
from the patient. Adapted from [33]

Currently, different MSC-based products have been approved by several countries for the
treatment of different diseases such as degenerative arthritis, myocardial infarction, GvHD, and
reconstruction of skeletal defects.
CARTISTEM, is a combination of human umbilical cord MSCs and sodium hyaluronate which
is intended to be used as a therapeutic agent for cartilage regeneration in cartilage defects of the
knee.[32]
CardioRel is an autologous product designed for patients suffering from myocardial infarction
that provides mesenchymal stem cells for cardiac regeneration. Hearticellgram-AMI are
bone marrow-derived MSCs used to treat acute myocardial infarction through intracoronary
injection.[32]
Trinity Evolution is an allograft of cancellous bone containing viable adult stem cells
and osteoprogenitor cells within the matrix and a demineralized bone component. Trinity
Evolution is intended for the treatment of musculoskeletal defects.[30, 32] Osteocel Plus
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is made from bone matrix that retains its native bone forming cells, including MSCs and
osteoprogenitors. Osteocel Plus is intended for the repair, replacement, and reconstruction of
skeletal defects.[30, 32] AlloStem is partially demineralized allograft bone combined with
adipose derived MSCs.[32]
Prochymal is the first stem cell therapy approved for use in Canada for acute GvHD. It is an
allogeneic therapy based on MSCs derived from the bone marrow of adult donors.[32]

However, the current knowledge is not sufficient to predict the action of MSCs for the
treatment of these different pathologies. In addition, it has been reported that the quality and
therapeutic efficacy of MSCs depend on several parameters such as the isolation and culture
methods, as well as the age, genetic traits, and medical history of the donor.[157, 158] For
example, freshly isolated cells and cells from younger donor would have better performance
than in vitro cultured cells or cells from older donor.[157] Many questions remain also
unanswered regarding the safety of using MSCs as a therapy.[32] Considering that the most
common method of administration of MSCs is intravenous infusion, the majority of the cells
are trapped within capillaries of various organs, especially in the lungs, before the cells reach
their target. Therefore, only a small fraction of the injected cells will reach the lesion site.
Furthermore, this route of delivery can cause occlusion of small blood vessels and pulmonary
embolism due to the accumulation of cells in the lung region.[157] Multiple studies would also
suggest that besides the potential effect of MSCs on tissue regeneration, these cells may also be
significantly involved in the process of heterotopic ossification (ectopic bone formation).[158]
The risk associated with tumorigenesis after stem cell transplantation is also widely discussed
in the literature. Some data indicate that MSCs can be associated with tumor progression by the
secretion of proangiogenic factors, while other studies suggest that factors secreted by MSCs
may have antitumor properties. The implication of MSCs in tumorigenesis would depend on the
type of tumor, the method of culture, cell heterogeneity, dose, secreted molecules, and probably
many other factors.[157] Although MSCs present a great therapeutic potential for the treatment
of various diseases, the optimal dose, the route of cell administration, and protocols for MSC
isolation and ex vivo preparation are still to be optimized.[158]
For bone regeneration purposes, the aim would be to make MSCs evolve into osteoblasts,
whether they would be injected or implanted into a scaffold, since only they are capable of
recreating bone matrix. However, the in vivo bone regeneration mechanisms involving MSCs
being still poorly understood, it is difficult to obtain and maintain a stable cell phenotype in
vitro. Once extracted and cultivated in vitro to make them proliferate, MSCs tend to differentiate
randomly, which leads to a heterogeneous population of cells.[3, 33, 34] It is then complicated
to use this heterogeneous population of cells for the reconstruction of any tissue. Although
several techniques, such as magnetic-activated cell sorting and flow cytometry sorting, could
be used to sort the cells and keep only a defined cell population, most of these methods have
not gained widespread acceptance so far because of the high expense, technical difficulties,
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and great damage to cells.[159] Research therefore aims at developing techniques allowing to
control MSCs differentiation and to obtain a homogeneous cell population (differentiated cells
or cells that maintain ther stemness). This goes through the study of the impact of many different
parameters on MSCs differentiation, also trying to identify the cellular mechanisms involved.

2.2 The influence of the culture conditions on mesenchymal
stem cells osteogenic differentiation

2.2.1 Culture medium

Once the cells are extracted from their in vivo environment, they are cultivated in vitro
under the appropriate conditions for their survival and proliferation. Basic environmental
requirements for cells to grow optimally include controlled temperature, a substrate for cell
attachment (if the cells are adherent cells, which is the case for MSCs), and appropriate growth
medium. Cell culture media generally comprise amino acids, vitamins, inorganic salts, glucose,
and serum as a source of growth factors, hormones, and attachment factors. In addition to
nutrients, the medium also helps to maintain pH and osmolarity. Depending on its formulation,
the culture medium can also direct the differentiation of MSCs towards a particular lineage.
If growth factors such as those mentioned in the first chapter can be added to the culture
medium to direct MSCs osteogenic differentiation, the addition of small natural or synthetic
molecules is more conventional as they are easier to obtain, they can be manufactured at a
low cost, and they exert their effects in a potent, rapid and reversible way.[160] As such,
osteogenic differentiation culture media generally include dexamethasone, ascorbic acid, and
β-glycerophosphate to induce osteogenesis of bone marrow MSCs in vitro.[160, 161, 162]
Ascorbic acid was found to initiate the formation of a collagenous extracellular matrix, which
further leads to the upregulation of alkaline phosphatase and osteocalcin. Dexamethasone
promotes cell proliferation, ALP activity and mineral deposition. While β-glycerophosphate
provides a high concentration of phosphate ions for mineralization.[160, 161, 162]

For example, Nishimura et al. showed that growth medium supplemented with 50 nM
dexamethasone, 0.2 mM ascorbic acid, and 10 mM β-glycerophosphate leads to a higher
expression of ALP of human bone marrow MSCs after 7 and 14 days, so a higher osteogenic
differentiation, as compared to basic growth medium.[163] If the addition of these molecules
can affect MSCs differentiation, their concentration can also be an important factor to consider.
Honda et al. developed a systematic and computational approach for designing cocktails
of different factors with varying concentration with the aim to stably achieve osteogenic
commitment of mouse and human bone marrow MSCs. The tested cocktails contained
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ascorbic acid, calcitriol (the active form of vitamin D), BMP-2, heparin, dexamethasone,
and β-glycerophosphate with varying concentration. Among 100 tested cocktails with mouse
MSCs, only 14 cocktails demonstrated in vitro calcium precipitation within 7 days, achieving
greater than 50% of the calcium precipitation of the reference medium containing 50 mM
ascorbic acid, 10 mM β-glycerophosphate, 100 nM dexamethasone, and 100 ng/ml BMP-2.
Two cocktails were selected for further investigation (m4 and m8, Table 2.3). The reference
medium and the two cocktails induced the early expression of Runx-2 and Osterix at day
1 and the delayed expression of osteocalcin at day 7, confirming the osteogenic fate of
mouse MSCs. However, it has been observed that the reference medium and the cocktail m8
induced in vitro calcium deposition of human MSCs after 15 days, while the cocktail m4 did
not.[164] These findings tend to show that there is no unique culture medium composition
to direct MSCs osteogenic differentiation. In addition, the effects of a particular composition
can vary between different species. Moreover, there are probably many synergies that exist
between these molecules and that are not fully understood. For example, Hildebrandt et al.
showed that supplementing the culture medium with 10−8 M of dexamethasone promoted
umbilical cord blood MSCs mineralization only in combination with BMP-2 (10−7 M), while a
concentration of 10−7 M dexamethasone led to a high amount of mineralization and expression
of collagen-I independently of BMP-2 addition.[165] Finally, it can be seen from these
examples that the concentration of dexamethasone, ascorbic acid, and β-glycerophosphate used
might significantly vary between the studies, which constitutes a limitation to compare the
results.

Chemical factor Differentiation medium m4 cocktail m8 cocktail
Ascorbic acid (µM) 50 50 50

Vitamin D (nM) 0 0 0.08
BMP-2 (ng/mL) 100 12.5 0.39
Heparin (µg/mL) 0 0 0.39

Dexamethasone (nM) 100 0.39 200
β-glycerophosphate (mM) 10 10 10

TABLE 2.3 – Culture medium containing various cocktails of osteogenic factors to promote
mouse and human MSCs osteogenic differentiation. Adapted from [164]

One way to standardize the experiments could be to use commercially available osteogenic
differentiation medium. Nevertheless, their composition is generally secret and they might
not all have the same efficiency in directing MSCs osteogenic differentiation as shown by
Okajcekova et al. By comparing three different commercial osteogenic differentiation media,
they showed that one medium, that had the particularity to be exempt of animal serum
supplement, led to a stronger calcium mineral deposition of dental pulp MSCs as compared
to the two other osteogenic media or to growth medium (Figure 2.5).[166] Other factors,
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such as the source of serum, might influence MSCs differentiation. While fetal bovine serum
(FBS) is routinely used for cell culture, Popov et al. demonstrated that human serum led to
higher expression of ALP than FBS in human bone marrow MSCs, even in the absence of
any osteogenic supplement.[167] Finally, even though various compositions of culture medium
have shown to guide and enhance MSCs osteogenic differentiation, it is not certain that the
differentiation is homogeneous between the cells or that the cells have reached the osteoblast
stage. Consequently, although osteogenic culture medium might guide MSCs towards the
osteogenic commitment, it is not possible to only rely on the use of osteogenic culture medium
to control MSCs osteogenic differentiation.

FIGURE 2.5 – Alizarin red staining for the evaluation of calcium deposition during osteogenic
differentiation of dental pulp MSCs exposed to different culture media for 15 days.
Control group was cultured in basic growth media. The culture media A, B, and C were
commercial osteogenic differentiation media from different companies : Medium A) StemPro
Osteogenesis Differentiation Kit (ThermoFischer, USA), Medium B) Mesenchymal Stem Cell
Osteogenic Differentiation Medium (PromoCell, Germany) and Medium C) OsteoMAX-XFTM
Differentiation Medium (Sigma-Aldrich, USA). The culture medium C led to strongest calcium
deposition. Magnification 100x. Adapted from [166]

2.2.2 Number of passages and age of the donor

Passaging, or subculturing, of cells is a procedure wherein cells from a given culture are
divided into new cultures and fed with fresh culture medium to allow further expansion of
the cells. Due to the rareness and high heterogeneity of freshly isolated MSCs, extensive in
vitro passage is required to expand their populations prior to clinical use. However, several
studies have shown that long-term in vitro culture of MSCs might alter their proliferation and
differentiation potential. Twenty years ago, Banfi et al. indicated that, after in vitro culture, the
population of expanded human bone marrow MSCs progressively lost their ability to proliferate
and differentiate in multiple mesenchymal lineages, already after passage 1 or 2.[168] More
recently, Yang et al. found that human bone marrow MSCs had a reduced proliferative capability
when increasing the passage number, but this effect was observed after passage 3 or 5 depending
on the culture medium used. They also observed that MSCs maintained their normal spindle
shape in the early passages up to passage 5, but exhibited irregular flattened geometry and
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enlarged size at later passages. Finally, the number of passages also affected MSCs osteogenic
differentiation capacity as the intensity of calcium staining increased over time in the cultures
at passage 4, while calcium deposition was not detectable in the cultures at passage 8.[169]
Similar results were obtained for rat bone marrow MSCs as the cells had a uniform spindle
shape till passage 3, while they presented more flatten, larger, and polygonal phenotypes at
higher passage. The doubling time of cells at passages 1-3 was within 20-30 hours, whereas
passage 5 showed an extreme doubling time of 130 hours. Cells at passage 5 were also found to
express a senescence marker, indicating a possible degradation of the functional characteristics
of the cells, while cells at passage 2 did not express this marker.[170]
Some studies also highlighted that MSCs proliferation and differentiation could be affected
by both the age of the donor and the number of passages. Kretlow et al. showed that mouse
bone marrow MSCs adhesion and proliferation was decreasing as the age of the donor was
increasing (6-day-old, 6-weeks-old, and 1-year-old mice). A decreased osteogenic potential was
also found with increased donor age. Finally, no significant differences in osteogenic potential
for cultures at different passages were found for old donors (6-week-old and 1-year-old mice),
while the osteogenic potential was reduced between passage 1 and 6 for young donors (6-days-
old mice).[171] Zaim et al. found that human bone marrow MSCs harvested from adult donors
(25-50 years) stopped proliferating at about passage 15, MSCs from old donors (over 60 years)
stopped proliferating at passage 7, while cells from child donors (0-12 years) reached their
maximal life span at passage 24. Similarly, MSCs from child, adult, and old donors gradually
lost their fibroblast like morphology and started to gain an irregular and flat shape when they
were at passage 15, 9, and 5, respectively. In addition, they demonstrated that a great number
of MSCs lost their osteogenic differentiation potential due to increasing donor age.[172] These
results are in agreement with the observations made by our team, as Pedrosa et al. showed
that human bone marrow MSCs from young (36 years old) or old (65 years old) donors had
markedly different responses to varying nanotopographies. In addition, the population of cells
from the old donor exhibited a more heterogeneous expression of osteogenic differentiation
markers.[105]

2.2.3 Cell seeding density

In addition to culture medium, number of passages, and age of the donor, the initial cell
seeding density would also have an impact on MSCs proliferation and differentiation. It is
believed that starting with a low cell seeding density and gradually increasing it, until reaching
an optimal cell seeding density, would enhance cell functions and biosynthesis due to cell-cell
interactions, increased intercellular signaling via endogenous signal molecules, and increased
secretion of ECM by neighboring cells which helps other cells to attach. However, once the cell
seeding density exceeds the optimal density, contact-inhibition via intercellular communication
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between adjacent cells starts to suppress cell proliferation. In addition, limited nutrients to be
shared by many more cells, hypoxia of overly crowded cells, and insufficient waste removal,
results in a decrease in cell function.[173] Several studies have evaluated the impact of MSCs
seeding density on their proliferation and differentiation potential. Nevertheless, they can lead
to very different results depending on the source of the cells (human cells or animal cells), the
material used for cell culture, and the dimensionality of the culture system (two-dimensional or
three-dimensional cell culture).
In two-dimensional systems, the studies of Kim et al. and Luo et al. both showed that
increasing rat bone marrow MSCs seeding density leads to a decrease in the cells proliferation
rate.[174, 175] Regarding their osteogenic differentiation, Luo et al. showed that a moderate
initial cell seeding density (10,000 cells/cm2) promoted a higher osteogenic differentiation than
lower (5,000 cells/cm2) or higher (25,000 and 50,000 cells/cm2) density, when the cells were
cultivated on composite nanofibers made of molybdenum disulphide and polyacrylonitrile.[175]
While Kim et al. observed that late stage osteogenic differentiation was enhanced for higher cell
seeding density (150,000 cells/cm2), while cell proliferation and early osteogenic differentiation
were stimulated by lower cell seeding density (30,000 cells/cm2), when the cells were cultivated
on poly(propylene fumarate).[174] When studying human bone marrow MSCs, Eyckmans et
al. found that a high seeding density (80,000 cells/cm2) resulted in a higher expression of
osteogenic genes after two weeks as compared to lower seeding densities (5,000 and 25,000
cells/cm2), when the cells were cultivated in classical plastic well-plates (Figure 2.6 part
i).[176] However, these results contradict the study of McBeath et al. which demonstrated
that human bone marrow MSCs osteogenic differentiation was favored at low cell seeding
density (1,000 and 3,000 cells/cm2), while adipogenic differentiation was favored at high cell
seeding density (21,000 and 25,000 cells/cm2) (Figure 2.6 part ii).[177] Finally, Bhat et al.
reported that human bone marrow MSCs cultured with the seeding densities of 1,000 and 5,000
cells/cm2 demonstrated equivalent cell yield and viability, surface marker expression, as the
expression of positive MSCs markers (CD73, CD90 and CD105) was more than 90% and that
of negative markers (CD34, CD45) was less than 5%, and equivalent tri-lineage differentiation
potential.[178] All the studies presented in this section used osteogenic differentiation medium
to direct MSCs osteogenic differentiation.
In conclusion, it appears that the initial cell seeding density affects MSCs differentiation.
However, the optimal cell seeding density is likely to depend on many different parameters, such
as the source of the cells, the material used for cell culture, the composition of the osteogenic
differentiation medium, the duration of the cell culture experiment, and probably other factors.
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FIGURE 2.6 – Impact of cell seeding density on mesenchymal stem cells differentiation. i)
Gene expression of the bone markers, Runx-2 and osteocalcin (OCN) for human bone marrow
MSCs seeded at different densities and cultured for one or two weeks in osteogenic culture
medium. Adapted from [176] ii) Brightfield images of human bone marrow MSCs plated at
1,000 cells/cm2 (A and B) or 25,000 cells/cm2 (C and D), cultured for 4 weeks in adipogenic
(A and C) or 3 weeks in osteogenic (B and D) differentiation media, and stained for the presence
of lipids (A and C) or alkaline phosphatase (B and D). Scale bar = 200 µm. Adapted from [177]

2.2.4 Application of stimuli

During the early stage of bone defect healing, hypoxia would enhance the migration of
osteogenic and angiogenic precursor cells as well as osteogenesis and angiogenesis. Then,
newly formed vessels around the bone defect would eliminate the hypoxic condition as the
healing process continues. If the cells are generally cultured in the presence of 21% O2,
physiologic oxygen pressure is lower and varies from tissue to tissue between 1% and 13%,
and would be comprised between 1% and 7% in bone marrow. Therefore, different studies
aimed at evaluating the impact of hypoxia on MSCs differentiation. Yu et al. showed that
inducing mouse MSCs hypoxia via CoCl2 for 3 days led to an increase in the expression of
osteogenic genes (ColI, Runx-2, ALP, Osterix, osteopontin, osteocalcin) and calcium deposition
(Figure 2.7a-d) as compared to 1, 5, or 7 days of hypoxia or to normoxia (standard culture
condition with 21% O2).[179] Hung et al. demonstrated that human bone marrow MSCs
cultivated at 1% O2 for 4 weeks expressed higher levels of ALP, osteopontin, and osteocalcin,
and showed increased mineralization than MSCs cultured with 21% O2. These results indicate
that hypoxia would favor osteogenesis. However, it has been found that chondrogenesis and
adipogenesis were inhibited in hypoxic conditions.[180] Similarly, Cicione et al. found that 1%
O2 inhibited adipogenesis and chondrogenesis of human bone marrow MSCs. Nevertheless,
they observed that osteogenesis was also impaired under hypoxic conditions, as the expression
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of ALP and osteopontin, and calcium deposition (Figure 2.7e) were significantly reduced under
hypoxia.[181] Finally, Ding et al. noted that 1% O2 led to a decrease in the expression of
osteogenic markers (Runx-2, ALP, osteopontin, osteocalcin) in rat bone marrow MSCs after
3, 7, 14, and 21 days, as compared to 21% O2. Curiously, they observed a higher calcium
deposition for cells cultured under hypoxia after 3, 7, and 14 days, but not after 21 days.[182]
The exact influence of hypoxia on MSCs differentiation therefore still remains inconclusive due
to these contradictory reports in the literature.

FIGURE 2.7 – Mouse MSCs cultured under normoxia or hypoxia induced by CoCl2 treatment.
a) ALP staining on day 7. b) Matrix mineralization (alizarin red staining) on day 14. c) ALP
activity on day 7. d) Quantitative analysis of alizarin red staining. Osteogenesis was favored by
hypoxic conditions. Adapted from [179] e) Alizarin red staining of human bone marrow MSCs
cultured in normoxic (21% O2) or hypoxic (1% O2) conditions in osteogenic differentiation
medium (DM) or normal growth medium (CTL). Osteogenesis was inhibited by hypoxia.
Adapted from [181]

During normal development, organisms are exposed to a variety of mechanical stimuli that
promote and regulate tissue development. For example, physiological loading is widely believed
to be beneficial in maintaining skeletal integrity. As such, several studies have investigated
MSCs osteogenic differentiation in response to mechanical solicitation. For example, rat bone
marrow MSCs have been submitted to uniaxial cyclic strain with a strain magnitude of 8%
and a frequency of 1 Hz during 16 hours intermittently (cycles of 15 min stretching and 15
min resting). After 16 hours of stretching, cells were elongated and perpendicularly aligned to
the stretching direction, while unstrained cells presented random orientation. After 7 days in
osteogenic or adipogenic differentiation medium, strained cells exhibited a higher expression
of ALP and a lower expression of ORO (oil red O) as compared to unstrained cells, showing
that mechanical solicitation enhances osteogenesis but impairs adipogenesis.[183] Similarly,
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Li et al. applied a cylic strain (5% strain magnitude) to rat bone marrow MSCs during 6
hours per day and observed that the cells became oriented perpendicular to the axis of strain.
In addition, the expression of osteogenic markers was higher for strained cells after 3 and 5
days, while the expression of adipogenic markers was lower for strained cells as compared to
unstrained cells.[184] After applying cyclic mechanical stretch (10% elongation, 0.5 Hz) to
human bone marrow MSCs for 3 weeks, Wang et al. showed that the expression of ALP, Runx-
2, osteocalcin, and collagen I, as well as calcium deposition, were increased in strained cells as
compared to the non-loaded control cells (Figure 2.8).[185] Finally, Chen et al. demonstrated
that submitting human bone marrow MSCs to mechanical stretch (12% at 0.5 Hz) resulted in
increased expression of ALP, Runx-2, and Osterix, and higher calcium deposition than non-
loaded cells.[186] As MSCs fate is believed to be related with cell cytoskeleton tension, and
that increased tension would result in osteogenic fate of MSCs[187], it can be postulated that
the increase in generated tension on the cytoskeleton by mechanical loading would be favorable
for MSCs osteogenic differentiation.

FIGURE 2.8 – Cyclic mechanical loading could regulate osteogenic differentiation in human
bone marrow MSCs. a) qRT-PCR analysis of osteogenic differentiation markers ALP, COL1a1
(type I collagen), and OCN (osteocalcin) in MSCs after treatment with 10% CMS (Cyclic
Mechanical Loading) for 3 weeks compared with static control cells. b) Representative images
of ALP staining (including quantitative analysis) and c) Alizarin red staining of MSCs after
treatment with 10% CMS for 3 weeks compared with static control cells. Adapted from [188]
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2.3 Hydrogels : a material of choice for cell culture

Considering that MSCs are adherent cells, the in vitro culture of MSCs is traditionally
performed in two dimensions on plastic materials (polystyrene). Indeed, the majority of the
previously mentioned studies evaluated the impact of different parameters (culture medium,
number of cell passages, cell seeding density, application of stimuli) on MSCs behavior
when cultivated on plastic cell culture plates. However, it is now recognized that the
surface properties of the material could greatly influence MSCs adhesion, proliferation, and
differentiation. For example, it has been reported that the surface charge[189], the surface
chemistry[190], the roughness[191], the topography[105, 192, 193], as well as the presence and
distribution of biomolecules[84, 102] could significantly alter MSCs osteogenic commitment.
In addition, flat and stiff materials, such as polystyrene and glass, are far from being
representative of the physiological environment of cells.[35] Therefore, hydrogels have emerged
as promising materials for cell culture since they mimic the essential elements of native cell
extracellular matrices.[35] Hydrogels are three-dimensional systems created by the crosslinking
of hydrophilic polymer chains, which gives them the ability to absorb large amounts of fluid
and therefore mimic biological tissues.[36, 37, 38] Hydrogels crosslinking can be achieved
either by physical or chemical crosslinking. Physical hydrogels result from ionic bonding,
hydrogen bonding, physical interactions or molecular entanglements between the polymer
chains, which are reversible by application of force or environmental changes.[37] The presence
of reversible crosslinks might be of particular interest for cell culture, as providing a matrix
that can be deformed by cells may favor their differentiation.[47, 48] This will be discussed
in more details in the chapter 3. Physical gels have become the center of attention of many
researchers because of their relatively facile production, although they tend to be more fragile
than chemical hydrogels.[38] Chemical hydrogels are obtained via the creation of covalent
bonds between the polymer chains.[37, 38] Chemically crosslinked hydrogels are often used
due to their good mechanical strength[194], their homogeneity at the microscale and the ease
to control their physical and chemical properties, such as matrix elasticity and porosity.[68]
Because of hydrogels special traits, such as modifiable chemical properties, biocompatibility,
elasticity, porosity, and the capability to allow nutrients and growth factors circulation, they have
broad uses in biomedical research that goes from drug delivery to regenerative medicine and
tissue engineering.[36] Hydrogels are also gaining attention due to their ability to encapsulate
cells.[36] Hydrogels are generally classified in two categories depending on the source of the
polymers, i.e. natural and synthetic polymers. A few typically used natural and synthetic based
hydrogels are discussed in the following sections.
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2.3.1 Hydrogels made of natural polymers

Many polymers used for hydrogel fabrication are natural polymers, including alginate,
collagen, chitosan, gelatin, hyaluronic acid, cellulose, and agarose. These polymers are
abundant in source and present inherent biocompatibility. Some of the natural polymer based
constructs contain degradable moieties such as hydrolysable ester groups and enzyme-mediated
hydrolytic amide groups, as well as natural binding sites, which provide interactions between
cells and hydrogels. However, low stability, poor mechanical properties, and rapid degradation
rate are major disadvantages of the natural-based hydrogels.[36] In addition, procedures for the
isolation and purification of natural polymers can be expensive, and can lead to batch-to-batch
variations that may decrease the reproducibility of materials properties and functions.[39]

Type I collagen being the major structural component of many tissues, including bone,
it constitutes an attractive material for cell studies. Collagen hydrogels are typically formed
via physical crosslinking by raising the temperature and the pH to initiate collagen fibril self-
assembly. The gelation occurs rapidly (about 30 minutes under physiological conditions) and
the gel can be molded in various shapes.[35] Collagen hydrogels already present cell adhesion
sites without modification, such as GFOGER, DGEA, and RGD amino-acid sequences[195],
and present a native viscoelastic environment for cells.[35] However, collagen gels suffer from
some drawbacks including low stiffness, limited long-term stability, batch-to-batch variability,
and immunogenicity problems due to the presence of antigens from the original tissue.[35, 196]
The physical crosslinking and the degradability of collagen hydrogels also result in significant
contraction of the matrix by the cells during long-term cell culture.[35] This effect might be
circumvented by chemical crosslinking.[36]
Gelatin can be obtained by partial hydrolysis of collagen.[36] Similarly to collagen, gelatin
is rich in RGD sequences (Arg-Gly-Asp) (Figure 2.9a)[197], which constitutes the minimal
binding domain to the integrin receptor[195], and therefore enables cell adhesion. Gelatin’s
thermoresponsive characteristics enable it to undergo a sol-gel transition based on the
environmental temperature. If the temperature drops below ambient temperature, the transition
takes place from solution to gel, and can be reversed by heating the solution to physiological
temperature.[37] However, gelatin has poor mechanical properties as well as high degradation
rate, and therefore requires extensive crosslinking, including physical, chemical, or enzymatic
crosslinking, before being used for cell culture experiments.[37, 197]
Hyaluronic acid is a native polysaccharide component of connective tissue and ECM (Figure
2.9b). Hyaluronic acid constitutes an interesting candidate for drug delivery as it is a negatively
charged polymer which is able to bind with positively charged molecules, such as drugs
or bioactive compounds, that can subsequently be released in the body by ion exchange
or polymer disintegration.[37] Being a glycosaminoglycan (GAG) consisting of repeating
units that are widely distributed in cartilage, hyaluronic acid hydrogels have shown great
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potential for cartilage tissue repair. In addition, hyaluronic acid is capable of interacting with
various cell receptors.[198] However, because of non-specific protein adsorption on hyaluronic
acid-based scaffolds in vivo, it can induce foreign body reaction. In addition, a wide range
of cells (monocytes, leukocytes, and platelets) can stick to the surface of hyaluronic acid-
scaffolds and may lead to the release of cytokines and pro-inflammatory mediators that induce
inflammation.[199] Finally, one of the challenges of hyaluronic acid is hyaluronidase, which
causes a high degradation rate in vivo.[36]
Cellulose represents the most abundant naturally occurring biopolymer (Figure 2.9e). Cellulose
can be obtained from plants and natural fibers such as cotton and linen, as well as from
some bacteria.[200, 201] Cellulose present many advantages including biocompatibility,
biodegradability, non-toxicity, mechanical and thermal stability, and cost-efficiency.[201]
Hydrogels can be obtained either directly from native cellulose or from cellulose derivatives
such as methylcellulose, carboxymethyl cellulose, hydroxypropyl methylcellulose, dialdehyde
cellulose, cellulose acetate, and others.[200, 201] Cellulose-based hydrogels can be obtained
through physical crosslinking thanks to the presence of hydroxyl groups in cellulose that can
easily form crosslinks through hydrogen bonding.[200] Hydrogels from cellulose derivatives
can be obtained through physical crosslinking, via ionic bonding or hydrogen bonding, or
through chemical crosslinking, with a functionalized crosslinker or under UV irradiation.[200]
Nevertheless, the main limitations of cellulose-based hydrogels is the low solubility of cellulose
in both water and most organic solvents due to the hydrogen-bonded structure, and the poor
reactivity of cellulose.[202]
Alginate is a polysaccharide extracted from brown algae. It is a natural anionic copolymer
composed of two monosaccharides ; α-L-guluronic acid (G units) and β-D-mannuronic
acid (M units) (Figure 2.9d).[35, 36, 37] Because of its abundance, inexpensiveness, and
biocompatibility, alginate has been increasingly used for cell studies.[36] In addition, alginate
has the particular ability to form ionic crosslinks by interacting with divalent cations, such
as Ca2+, Sr2+ and Ba2+, that promote the formation of ionic bridges between alginate G
units.[35, 36, 37] This particularity made alginate very popular for studying cell-material
interaction in 3D as it allows easy encapsulation of the cells in the hydrogel.[35] However,
because of the poor adhesion properties of alginate-based hydrogels, adhesion peptides such as
RGD are generally used to improve cell adhesion.[35, 36]
Chitosan, the deacetylated form of chitin, is a naturally linear cationic heteropolymer
extracted from the shrimp or crab shells (Figure 2.9c).[36, 203] It has analogous composition
and structure to glycosaminoglycans[203], and possesses high biocompatibility, good
biodegradability, and non-toxicity.[37, 203] In addition, owing to its cationic nature, chitosan
would present antimicrobial activity against both Gram-positive and Gram-negative bacteria.
Chitosan can be crosslinked either by physical or chemical crosslinking. However, because its
mechanical properties are weak, chitosan should be combined with other functional materials
to promote the osteogenic differentiation and tissue regeneration.[203] Moreoever, unmodified

52



chitosan is both insoluble in water and organic solvents due to its crystalline arrangement,
making it difficult to apply in pharmaceutical and tissue engineering applications without
modification.[37]
Agarose is a biocompatible polysaccharide extracted from marine red algae.[204, 205]
Agarose is the main component of agar, attained by extraction of agaropectin from agar
(Figure 2.9f).[204] Agarose has been widely used in biomedical applications because of its
controlled self-gelling properties, water-solubility, adjustable mechanical properties, and non-
immunogenic properties.[204, 205] Agarose dissolves in hot water to form a gel when cooled
to below an upper critical solution temperature.[205] Agarose is an attractive platform for cell
encapsulation because it undergoes gelation through the formation of extensive intermolecular
hydrogen bonds resulting in double helical structures of polymer chains and in the formation
of a gel.[39, 204] The concentration of agarose in the solution determines the stiffness of
the hydrogel.[205] Finally, agarose is non degradable and has to be combined with adhesion
peptides or other polymers to enable cell adhesion.[204]

FIGURE 2.9 – Chemical structure of several natural polymers used for the preparation of
hydrogels. a) Gelatin, b) Hyaluronic acid, c) Chitosan (the amine groups are protonated at pH >
6.5), d) Alginate containing α-L-guluronic acid (G units) and β-D-mannuronic acid (M units),
and physical crosslinking by interaction of the G units with Ca2+ ions, e) Cellulose, f) Agarose.
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2.3.2 Hydrogels made of synthetic polymers

Different from natural polymers, the chemistry of synthetic polymers is tunable, providing
the ability to optimize the physicochemical and mechanical properties of synthetic polymer
based hydrogels. Additionally, diverse molecular weights, block structures, and degradable
linkages can lead to tunable mechanical properties and degradation rate. Nevertheless, lack
of adhesion sites, lack of biocompatibility, and potentially toxic degradation products are some
disadvantages of synthetic based hydrogels.[36] In addition, the mesh size of many commonly
used synthetic hydrogels is on the order of nanometers, which is several orders of magnitude
smaller than cells (microns), and can alter the transport of large solute molecules and limit
cellular migration and cell-cell interactions.[39]

Polyacrylamide (PAM) (Figure 2.10a) based hydrogels have been widely used in the
biomedical field, for drug delivery, and for biosensors in recent years. The highly tunable
mechanical properties is the crucial factor that makes PAM stands out from other materials,
as the hydrogel stiffness can be tuned from less than 1 kPa to several hundreds of kPa.[36,
206] PAM hydrogels are chemically crosslinked hydrogels produced by reacting acrylamide
monomer and bis-acrylamide crosslinker via radical polymerization.[35] Nevertheless, PAM
presents poor cell adhesion and the presence of unreacted monomers might lead to toxicity,
which are concerns in biomedical use.[36] The existence of well-established protocols for the
fabrication of hydrogels with tunable stiffness and for the coupling of proteins or peptides
circumvent the lack of adhesion of PAM hydrogels and contribute to their appeal for cell
culture. Indeed, the ability to independently modulate hydrogel stiffness and adhesive ligand
presentation can lead to more complete understanding of complex cell responses to these inputs
and is difficult to accomplish with natural materials. However, one major disadvantage is that
PAM cannot be used to encapsulate cells in 3D, due to toxicity of the hydrogel precursors.[35]
Temperature responsive hydrogels can be synthesized from acrylamide derivatives such as
poly(N-isopropylacrylamide) hydrogels (PNIPAAm) (Figure 2.10b) that are extensively studied
for making injectable hydrogels that undergo gelation at body temperature and can subsequently
release various molecules in the body.[207]
Polyethylene glycol (PEG) (Figure 2.10c), also known as polyethylene oxide (PEO), is a
synthetic material with tremendous biocompatibility, low cost, water solubility, and that has
been approved by the food and drug administration (FDA) for use in various biomedical
applications.[36, 37] PEG can be modified with a wealth of different functional groups
which provides the ability to form chemical hydrogels using a variety of polymerization
techniques, giving high design flexibility.[35] Pure PEG based hydrogels do not support cell
adhesion and proliferation and have to be functionalized with adhesion proteins or peptides.[37]
One advantage of PEG hydrogels is the possibility to encapsulate cells for studies in three
dimensions.[208]
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Poly(vinyl alcohol) (PVA) (Figure 2.10e) is prepared by a partial or complete hydrolysis
of poly(vinyl acetate).[39] It is a synthetic polymer with hydrophilicity (-OH groups),
biodegradability, and biocompatibility.[209] Different crosslinking techniques can be used
to obtain PVA hydrogels. The physical crosslinking technique involves the strong hydrogen
bonding among polymer chains. For chemical crosslinking, it is necessary to promote
covalent bonding between pendant hydroxyl (-OH) groups present in PVA chains by using
crosslinking agents. Irradiative crosslinking can also be performed using electron beam or
gamma radiation.[208, 209] PVA normally presents little cell adhesion properties but could
easily be modified with cell adhesion peptides thanks to the multiple available hydroxyl groups
on the polymer chains.[36]
Poly(hydroxyethyl methacrylate) (pHEMA) (Figure 2.10d) hydrogels are highly investigated
for biomedical applications due to their non-toxicity, biocompatibility, high water absorption
capacity, tunable mechanical properties, and capability to encapsulate cells.[37, 208] PHEMA
hydrogels are generally synthesised via the free radical polymerization of methacrylates. Many
studies aim to modify the properties of pHEMA to improve the degree of hydration, degradation,
and mechanical properties of the hydrogels.[39] It is believed that, because pHEMA hydrogels
possess a property called non-fouling which prevents the adsorption of non-specific proteins at
the surface of the material, they would avoid the immune reaction of the body and therefore
avoid the formation of a thick collagenous substance around the material when implanted in
vivo.[37]

FIGURE 2.10 – Chemical structure of several chemical polymers used for the preparation
of hydrogels. a) polyacrylamide, b) poly(N-isopropylacrylamide), c) polyethylene glycol, d)
poly(hydroxyethyl mathacrylate), e) poly(vinyl alcohol).
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Of course, it is possible to combine several polymers and their advantages to create
hydrogels with particular features. For example, copolymerization of various synthetic
monomers can lead to copolymeric hydrogels with block copolymers, alternating or random
copolymers, that allow to tune hydrogels properties. In addition, because using purely biological
or synthetic materials has limitations in creating cell encapsulation systems, many efforts are
dedicated to the development of biosynthetic gels that combine the bulk properties of synthetic
polymers and the attributes of natural polymers. Hydrogels therefore constitute particularly
interesting materials for cell culture either in two or three dimensions. Many properties of
hydrogels can be modulated to study their impact on cell behavior, including cell adhesion,
proliferation, and differentiation. The impact of hydrogels properties on MSCs behavior is
covered in the next chapter.
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3.1 Résumé

Les hydrogels ont été identifiés comme un outil prometteur pour mimer les propriétés
de la matrice extracellulaire native des cellules et pour étudier la réponse des cellules à
de nombreuses propriétés. En effet, les propriétés des hydrogels, comme la topographie,
la porosité, les propriétés mécaniques et la présentation de biomolécules, sont facilement
modulables et peuvent mener à un comportement cellulaire significativement différent en
termes d’adhésion, prolifération et différenciation. De plus, les hydrogels offrent la possibilité
d’encapsuler les cellules, et ainsi comparer les réponses cellulaires entre un environnement en
deux dimensions, généralement utilisé pour les expériences traditionnelles de culture cellulaire,
à un environnement en trois dimensions, plus représentatif de l’environnement in vivo des
cellules. Ainsi, ce chapitre vise à rassembler les connaissances accumulées sur le contrôle du
comportement des MSCs en utilisant les hydrogels en tant que support de culture, ce qui pourrait
aider à développer des biomatériaux appropriés pour des applications cliniques.
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3.2 Abstract

Mesenchymal stem cells (MSCs) are self-renewing, multipotent stem cells with the ability
to differentiate into mesoderm-type cells, such as adipocytes, osteocytes, and chondrocytes.
MSCs have also been reported to differentiate into other cell types such as neurons, smooth
muscle cells and hepatocytes in vitro. Consequently, they constitute an interesting candidate for
tissue engineering and regenerative medicine purposes. However, the perfect control of MSCs
commitment towards a desired lineage has still not been achieved, which is an obstacle for
their use in clinical applications. In this context, hydrogels have been identified as a promising
tool to mimic the properties of the native extracellular matrix of cells and to investigate the
response of cells to many different features. Indeed, hydrogels properties, such as topography,
porosity, mechanical properties, and biomolecules presentation, are easily tunable and can
lead to significantly different cell behavior in terms of cellular attachment, proliferation and
differentiation. In addition, hydrogels offer the possibility to encapsulate cells, and therefore
compare cell response between two dimensional environments, typically used in traditional
cell culture experiments, and three dimensional environments, more representative of the cell
in vivo environment. Therefore, this chapter aims at gathering the accumulated knowledge on
the control of MSC behavior by using hydrogels as cell culture material, which might help
designing appropriate biomaterials for clinical applications.
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3.3 Introduction

The interest in hydrogel materials is growing rapidly considering their unique swelling
properties, coupled with a high versatility and a high tunability of materials features, which
opened the door to many applications such as disposable diapers, filters for water purification,
separation materials for chromatography and electrophoresis, biosensors, cosmetic products
and drug delivery.[38] In particular, hydrogels have broad uses in biomedical research that
include regenerative medicine and tissue engineering.[36] Indeed, while most of the current
understanding of cell processes is based on experiments performed on flat and stiff materials,
such as polystyrene and glass, it became clear that these materials are not representative of
the physiological environment of cells, and that culture systems that better mimic cells native
in vivo environments were needed.[35] In this context, hydrogels have proven useful in many
cell culture applications, shedding light on mechanisms regulating cell behavior and providing
the appropriate conditions for the expansion and controlled differentiation of various cell
types. Hydrogels constitute a powerful tool to mimic the properties of the native extracellular
matrix (ECM) of cells and to investigate the response of cells to many different features
such as topography, porosity, mechanical properties, and biomolecules presentation. They are
also gaining attention due to their ability to encapsulate cells[36], and therefore compare cell
response between two dimensional (2D) and three dimensional (3D) environments.
Because of their self-renewal ability and potential to differentiate into multilineages, stem
cells became a prominent subject in medical research for regenerative medicine and tissue
engineering purposes.[101] Among stem cells, pluripotent stem cells, such as embryonic stem
cells (ESCs) or induced pluripotent stem cells (iPSCs) are attractive because they can give
rise to all the cell types in the body.[101] However, the use of ESCs in research and clinic
is restricted due to ethical considerations. In addition, they can cause an immune response
of the patient, as the cells come from another person, and they can form tumors after they
are cultivated in vitro and subsequently implanted in vivo.[3] Induced pluripotent stem cells
are an ethical alternative to ESCs as they can be obtained by reprogramming adult cells.
Nevertheless, the cell reprogramming efficiency is quite low and the use of iPSCs in clinic is
still limited because of the lack of knowledge regarding their manipulation and behavior.[3, 138]
Considering the need for stable, safe, and highly accessible stem cell sources, adult stem cells,
and particularly mesenchymal stem cells (MSCs), constitute interesting candidates. Indeed, they
are self-renewable, multipotent, easily accessible and they can be expanded in vitro with high
genomic stability, and few ethical issues.[101] MSCs can be extracted from various tissues like
bone marrow, adipose tissue, and dental pulp, and they are capable of in vivo differentiation
into mesoderm-type cells such as osteoblasts, chondrocytes, and adipocytes, as well as other
cell types such as neurons, smooth muscle cells, and hepatocytes when cultured in vitro.[101]
Although MSCs exhibit several advantages, their clinical use is hindered by their tendency to
uncontrollably proliferate and differentiate which can lead to tumor formation.[32] Moreover,
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the perfect control of MSCs differentiation towards a desired lineage has still not been achieved.
Consequently, a better understanding of their biological behavior is required to provide tools to
control their fate and allow their use in clinical applications.
Therefore, the objective of this chapter is to provide a broad overview of the use of hydrogels
as cell culture substrate and the modulation of hydrogels properties to study and direct MSCs
adhesion, proliferation, and differentiation.

3.4 Impact of hydrogels properties on mesenchymal stem
cells fate

3.4.1 Surface topography

In vivo, stem cells behavior is controlled by the interplay of many different signals coming
from cells surrounding microenvironment. This microenvironment is composed of chemical
and mechanical cues, which will be reviewed in the following sections, as well as topographical
cues at the micro- and nanoscale.[210] Surface topography is therefore considered as an
interesting tool to alter cell growth, morphology, and differentiation. Indeed, micron scale
topographic features such as ridges, grooves, and pillars have been shown to influence cell
spreading, migration, and differentiation.[106, 211, 212] Nanostructures including pits, pillars,
and grooves have also been shown to elicit specific cell responses on several materials.[105,
192, 213] However, most of the studies performed so far have been conducted with solid
substrates. Consequently, new methods have been developed for the fabrication of micro- and
nanotopographies on the surface of hydrogel substrates, as hydrogels present the benefit of
having similar features to ECM. The strategy consists in fabricating hydrogel substrates with
micro- or nanotopographical patterns, on which the cells spread, elongate, and align through a
phenomenon called contact guidance[41], which will determine cell shape and differentiation.

Li et al. developed different topographies on polyacrylamide hydrogels functionalized with
type I collagen to promote cell adhesion, to study the effect on rat bone marrow MSCs
spreading, proliferation, and differentiation.[40] Substrate topography was set in square pillars
or grooves, with three sets of dimensions. The width of the patterns and the distance between
them were set to 5/15, 10/10, or 15/5 µm, for both squares and grooves. In addition, substrate
stiffness was varied to 6 kPa (soft) and 47 kPa (stiff). This research team showed that both
stiffness and dimension affect MSCs proliferation, as stiffer and more unevenly dimensioned
substrates (15/5 µm) lead to more cell growth. However, there was no difference in the
multiplication rate between square pillars and grooves. Substrate topography is a key factor
to regulate MSCs morphology as a grooved topography promotes the directed alignment of
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cells and a reduced cell area compared to square pillars (Figure 3.1a and b). Finally, it has
been shown that osteogenic differentiation was promoted on the stiff substrate with uneven
square pillars (15/5 µm), while neurogenic differentiation was predominant on the soft substrate
with evenly dimensioned grooves (10/10 µm), as grooved topography favors cell alignment and
axon growth.[40] Similarly, Hu et al. molded rectangular microplates onto poly(2-hydroxyethyl
methacrylate) (pHEMA) hydrogels.[41] The dimensions of the hydrogel microplates were 20
µm in height and 2 µm in width, and the length was varied from 10, 25, and 50 µm. The
interplate spacing was varied between 5 to 10 µm and the intercolumn spacing was 5 µm. It
has been observed that human MSCs adhered and spread on a regular cell culture Petri-dish but
did not spread on a flat pHEMA hydrogel, due to the hydrophilicity of the pHEMA hydrogels
and the lack of anchor point on the flat surface. However, cells adhered on microstructured
pHEMA hydrogels and spread into elongated geometries in response to the topographical cues,
as observed in the previous study, staying in between the parallel plates and conforming to the
gaps (Figure 3.1c). Cell length increased as the interplate spacing decreased, as cells need to
stretch more in the longitudinal direction to fit into a smaller space between the parallel plates. In
addition, the cells tended to elongate more on longer plates. Finally, after 32 days of culture, the
cells formed a dense and interconnected layer, with cells connecting in vertical direction through
the intercolumn spacing. This is one of the advantages of having plate-patterned substrate over
groove-patterned substrate, as it allows cell-cell connections and interactions (Figure 3.1c).[41]
Although many studies focused on polygonal patterns, as squares, grooves, and plates, some
researchers also investigated the impact of circular patterns on cell behavior. For example, Yang
et al. produced chitosan hydrogels with uniform micro-hills of 10 µm and dispersed micro-hills
of 5 to 30 µm in diameter.[214] Spacing between micro-hills were determined as 4 µm for
uniform hills and 14 µm for dispersed hills. They observed that rat MSCs on uniform hills were
flat, polygonal and well spread, while the majority of MSCs on dispersed hills was fusiform
with cells that adhered to the hills, forming a bridge-like structure across the hills, or that
fell between the hills. Therefore, cells on dispersed hills would spread and migrate along the
spacing between micro-hills, leading to orientation by contact guidance. No difference in cell
adhesion was found between flat and patterned hydrogels, however MSCs proliferation was
higher for dispersed hills followed by uniform hills and lastly flat hydrogels.[214] Although
the spatially and dimensionally dispersed micro-hills were found to promote MSCs alignment
and proliferation, it is not certain whether this effect is due to micro-hills size, shape, or to the
spacing between the hills.
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FIGURE 3.1 – a, b) Spreading of rat MSCs on a stiff (47 kPa) polyacrylamide hydrogel patterned
with square pillars (a) or (b) grooves. The grooved topography promoted cell alignment by
contact guidance and led to a reduced cell area compared to square pillars. Scale bars, 20
µm. Adapted from [40] c) Human MSCs cultured on a microplate patterned pHEMA hydrogel
substrate. After 7 days of culture, cells elongated and aligned along the direction parallel to the
plates and connected through the intercolumn spaces. Adapted from [41]

Besides pillars and grooves, other hydrogel topographies consisting in wrinkles and cavities
with various shapes have been studied. Poellmann et al. prepared polyacrylamide hydrogels
with square or hexagonal cavities, varying the size of the cavities (from 3 to 20 µm) and the
width of the borders separating the cavities (from 1 to 20 µm).[215] They observed that the
proportion of well spread mouse bone marrow MSCs was higher for 10 and 15 µm borders
than for 1 and 2 µm borders, with no effect of cavity shape and size. However, cell area
was higher for square patterns with large borders (15-20 µm) than for hexagonal patterns or
small borders (2-5 µm). Finally, square patterns induced cell alignment along the borders, with
cells on smaller borders becoming more elongated, while they did not align on substrates with
hexagonal cavities. This is explained by the fact that borders on square substrates are similar
to continuous grooves, which is consistent with the results of the precedent studies, while
borders between hexagonal cavities frequently change direction on a scale shorter than most
cells.[215] Guvendiren et al. investigated the effects of pattern geometry and size on stem cell
morphology and spreading by molding lamellar and hexagonal patterns with a periodicity (λ)
of 50 or 100 µm and a height of 20 µm on pHEMA hydrogels.[216] For lamellar patterns with
λ = 50 µm, most of the cells formed bridges between the patterns and spread randomly without
recognizing the pattern, while for λ = 100 µm the majority of cells aligned themselves along
the patterns. For hexagonal patterns with λ = 50 µm, one third of the cells attached inside the
patterns and remained rounded, while for λ = 100 µm the majority of the cells were found
to be inside the patterns with a round morphology but a larger cell area. Lamellar patterns
with λ = 100 µm and hexagonal patterns with λ = 50 µm were chosen to study human MSCs
differentiation as they induced aligned cells which could stimulate osteogenesis and round cells
which could favor adipogenesis, respectively. The differentiation on patterned surfaces was also
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compared to that observed on flat surfaces. As expected, MSCs osteogenic differentiation was
found to be up-regulated for lamellar patterns, while adipogenic differentiation was higher for
hexagonal patterns. In addition, osteogenesis was found only for cells that were elongated and
aligned by taking the shape of the lamellar pattern, whereas only cells inside the hexagonal
patterns which remained round with low spread area stained positive for adipogenesis.[216]
These observations confirm that surface topography can direct cell shape which in turn
modulates cell differentiation. Finally, Randriantsilefisoa et al. synthesized polyethylene glycol
hydrogels presenting both micro- and nanowrinkles or creases to study the morphology of
human MSCs.[217] On wrinkled hydrogels, cells developed a branched morphology with
many cell interconnections and created additional wrinkles due to cell contractile forces. For
hydrogels presenting creases, the cells were preferentially oriented and gathered along the
creases, promoting a tissue-like formation by being close to one another.[217]

Finally, less defined structures, such as random surface roughness might also influence cell
spreading and differentiation. For example, Hou et al. developed gelatin-methacryloyl (GelMA)
hydrogels with two different values of stiffness (4 kPa as soft gel and 31 kPa as stiff gel) and
with varying surface roughness (Rs) from the nano- to microscale (from 200 nm to 1.1 µm) to
study the effect on human MSCs adhesion, spreading, and osteogenic differentiation.[42] They
found that cell spreading area on soft hydrogels increased with increasing surface roughness,
and that cells presented defined and aligned actin stress fibers for a roughness greater than
500 nm. On stiff hydrogels, the spreading of MSCs was slightly enhanced by increasing the
roughness from 200 to 500 nm, but was restricted for higher roughness. In addition, focal
adhesions were observed on soft gels from a roughness of 500 nm, whereas on the stiff gels
the maximum size of focal adhesions was obtained for an intermediate roughness of 500 nm.
These results are correlated with MSCs osteogenic differentiation (Figure 3.2) as the increase
of surface roughness on soft hydrogels induced a higher expression of osteogenic markers. On
the stiff hydrogels, the osteogenic differentiation increased linearly with the surface roughness,
but decreased for roughness greater than 500 nm. Thus, the highest levels of osteogenic
differentiation were observed for the conditions inducing the highest cytoskeletal and nuclear
tension.[42]
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FIGURE 3.2 – Osteogenic differentiation of human MSCs on roughness gradient hydrogels.
Alkaline phosphatase staining of MSCs cultured on (a) soft (4 kPa) and (b) stiff (31 kPa)
hydrogels in osteogenic induced media for 7 days. Quantification of ALP positive cells on (c)
soft and (d) stiff hydrogels. Scale bar, 200 µm. The designations R5%, R10%, R30%, R50%,
R75% and R95% refer to roughness values (Rs) of 200, 300, 400, 500, 700 and 1100 nm.
On soft gels, MSCs osteogenic differentiation increased with the roughness. On stiff gels, the
differentiation was maximal for an intermediate roughness of 500 nm.[42]

3.4.2 Two-dimensional VS three-dimensional culture systems

As previously mentioned, hydrogel materials are gaining popularity for cell culture
applications, thanks to their ability to encapsulate cells[36], which allows cell response
comparison between 2D and 3D environments. Expansion of MSCs is typically being
conducted using traditional two-dimensional (2D) adherent culture conditions. This technique
is relatively easy, but it has been demonstrated that cells produced in this manner eventually
lose their stemness and differentiation potential, which is accompanied by replicative cell
senescence and reduced paracrine capabilities.[218] Drawing inspiration from the native stem
cell microenvironment, hydrogel platforms have been developed to drive stem cells fate by
controlling parameters such as matrix mechanical properties, degradability, presence of cell-
adhesive ligand, local microstructure, and cell-cell interactions.[219, 220] Consequently, the
understanding of the differences in cell behavior as cell cultures are shifted from 2D surfaces
to 3D substrates is highly needed. In general, 3D culture systems can be divided into two
categories. The first category includes macro-porous substrates which present interconnected
pores with a pore size on the length scale of a single cell or greater (>10 µm).[49] In these
substrates, the pore size and architecture can influence cell behavior in terms of migration and
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differentiation.[49, 221] The second category comprises non-macro-porous substrates for which
cells are fully encapsulated within the 3D substrate and are immobilized by contact with the
substrate. Depending on the stiffness of the substrate and the ability of cells to degrade the
hydrogel, the possibilities for cells to migrate or probe the surrounding environment will vary,
which is likely to influence stem cell fate.[49]

Non-macro-porous substrates have been proven useful for MSCs chondrogenic
differentiation as 3D cell encapsulation would allow rounded cell morphology and particular
cell/cell or cell/matrix interactions which are critical to obtain chondrocytes.[43, 45, 46]
Merceron et al. used cellulose based hydrogels to study the chondrogenic differentiation of
human adipose tissue MSCs when cultured in 2D or 3D environments in vitro and in vivo.[43]
After 3 weeks of culture in monolayers on top of the gel (2D) or encapsulated in gel pellets
(3D) and in the presence of control or chondrogenic culture media, this team of scientists
found that the expression level of four different chondrogenic markers was the highest for
cells cultured in pellets and in the presence of chondrogenic medium. In addition, it has been
shown that only 3D culture in the presence of chondrogenic medium supported the production
of both GAG (glycosaminoglycan) and type II collagen, normally found in cartilage matrix.
This study therefore demonstrated that 3D culture of MSCs was more suitable for chondrogenic
differentiation in vitro, although a chondrogenic medium was required. Cells from the in vitro
experiment were then collected and encapsulated in the hydrogels before being subcutaneously
injected to mice, to ascertain whether cells were able to form cartilaginous tissue in vivo. After
5 weeks of implantation, cartilaginous tissue formation was achieved for MSCs treated with a
chondrogenic medium in both 2D monolayer and 3D pellet cultures. While MSCs cultured in
2D chondrogenic medium failed to achieve chondrogenic differentiation in vitro, they formed
a cartilaginous tissue to the same extent as MSCs pre-cultured in 3D once transferred in 3D
structures and implanted in vivo.[43] Although cells cultured in 2D and 3D led to the same result
in vivo after 5 weeks of implantation, studying tissue formation at shorter time points might
have revealed differences in tissue formation rate. Another study, conducted by Varghese et
al., showed the benefit of 3D culture for MSCs chondrogenic differentiation.[44] Nevertheless,
this study highlighted that 3D culture alone was not sufficient to direct MSCs differentiation
towards the chondrogenic phenotype and that the physicochemical properties of the matrix
were determinant to guide cell fate. Indeed, by encapsulating goat MSCs into PEG hydrogels
or PEG hydrogels containing chondroitin sulfate (CS) moieties, it has been shown that PEG-
CS hydrogels promoted self-aggregated cell clusters homogeneously distributed within the
hydrogels and producing cartilaginous tissues, while no cell aggregation was observed for
PEG hydrogels. Cell aggregation was correlated with chondrogenic differentiation as MSCs in
PEG-CS hydrogels exhibited earlier activation and higher expression of chondrogenic markers
compared to MSCs in PEG hydrogels. The authors explained these observations by the fact
that CS moieties enhanced the aggregation of cells, possibly by interacting with various growth
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factors from the culture medium and enhancing their activity, leading to the formation of large
cell clusters, which is recognized as a requirement for chondrogenesis. In addition, they showed
that the immobilized CS segments of the scaffold underwent degradation in response to the
cellular processes, which facilitated large cell cluster growth and matrix deposition.[44] Besides
the presence of specific chemical moieties, the addition of ECM proteins or peptides into the 3D
environment can also influence cell differentiation. For example, Jung et al. entrapped different
proteins such as type I collagen, laminin, and fibronectin into PEG hydrogels, allowing cell
encapsulation to study human MSCs differentiation in 3D environments versus the situation
where cells were cultured on 2D protein films.[222] For 2D culture after 14 days, they found that
myogenic differentiation was enhanced for a film of fibronectin as compared to cells cultured
on plastic dishes in the presence of differentiation medium, while none of the protein films was
able to promote osteogenic, adipogenic, and chondrogenic differentiations to higher levels than
the differentiation medium. For 3D matrices after 28 days, hydrogels containing collagen were
found to upregulate the expression of each lineage gene (myogenic, osteogenic, adipogenic,
and chondrogenic) compared to hydrogels with laminin and fibronectin. In addition, ECM
proteins in a 3D environment stimulated adipogenic and osteogenic differentiation at higher
levels than in 2D culture.[222] However, even within a 3D environment, cell differentiation
might not be homogeneous. Song et al. encapsulated human bone marrow MSCs within
alginate hydrogels and directed their differentiation using osteogenic or adipogenic culture
medium.[223] After 3 and 7 days, they observed homogeneous osteogenesis with similar
amounts of calcium deposition through the hydrogel. Conversely, in the case of adipogenesis,
more lipids were observed in the bottom of the gel than in the top.[223] Finally, while the
above studies have been conducted using covalently crosslinked hydrogels, the question arises
whether the type of crosslinking (chemical or physical) could impact stem cell fate when
encapsulated within the hydrogel. Huebsch et al. showed that within non-degradable, ionically
crosslinked alginate hydrogels functionalized with RGD (Arg-Gly-Asp) peptides, encapsulated
MSCs differentiation was dictated by matrix stiffness with osteogenic commitment occurring
primarily at intermediate stiffness (11-30 kPa) and adipogenic lineage predominating in softer
(2.5-5 kPa) microenvironments (Figure 3.3a).[54] These observations were explained by two
phenomena. First, it appeared that cell interaction with integrins was different depending
on hydrogel stiffness, with for example a higher number of integrin α5-RGD bonds for a
stiffness of 22 kPa. Second, it has been shown that cells used traction forces to mechanically
reorganize the RGD peptides presented within these hydrogel matrices. These tractions forces
are dependent on matrix stiffness as cells cultured on very compliant substrates cannot assemble
their cytoskeleton and adhesion complexes while this is required to exert the so-called traction
forces. On the contrary, on very rigid substrates, the cells cannot generate enough force to
deform the matrix, which in turn will influence stem cell fate.[54] The possibility for cells
to generate forces when encapsulated within these hydrogels is likely to be attributed to the
physical crosslinking of alginate which allows matrix reorganization as physical crosslinks
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can break and re-form.[45] On the contrary, the study of Khetan et al. showed that human
MSCs encapsulated within covalently crosslinked RGD-modified methacrylated hyaluronic
acid (MeHA) hydrogels underwent almost exclusively adipogenesis relative to osteogenesis for
all the tested stiffnesses from 4 to 91 kPa (Figure 3.3b and c).[47] In addition, MSCs showed
limited focal adhesion formation and unpolymerized actin in 3D matrices, while MSCs seeded
on 2D MeHA gels of similar elastic modulus (25 kPa) exhibited focal adhesion and underwent
primarily osteogenic differentiation. These results are correlated with the measurement of very
minimal deformation of the surrounding gels by encapsulated MSCs in all formulations. To
confirm that cell differentiation was related to the ability of cells to deform the matrix, MSCs
were encapsulated in hydrogels with cleavable crosslinks allowing cell degradation (CC) or with
permanent crosslinks inhibiting cell degradation (PC). MSCs in CC gels developed a robust
network of stress fibers and focal adhesions which were not observed in PC gels. In addition,
MSCs spread within CC gels and deformed the surrounding matrix to a greater extent than
in PC gels. When switching the culture medium to a mixed adipogenic/osteogenic medium,
MSCs in CC and PC gels underwent primarily osteogenesis and adipogenesis, respectively
(Figure 3.3d). Thus, for hydrogels of the same stiffness, osteogenesis was favored when cells
were able to spread and pull on the surrounding matrix, and adipogenesis was favored when
cells remained rounded and were unable to displace the surrounding matrix.[47, 48] Stem cell
fate is therefore regulated by cell-generated tension, that can be disabled by the presence of non-
degradable covalent crosslinks, which indicates that stem cells response to biophysical cues is
highly dependent on the type of hydrogel used, as well as the dimensionality of the system.
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FIGURE 3.3 – a) (i) Staining of encapsulated mouse MSCs for ALP activity (Fast Blue ;
osteogenic marker, blue) and neutral lipid accumulation (Oil Red O; adipogenic marker,
red) after 1 week of culture in the presence of combined osteogenic and adipogenic culture
medium within RGD-modified alginate hydrogels with different stiffness. Adipogenesis was
favored for soft substrates while osteogenesis occurred at intermediate stiffnesses. (ii) Actin
staining of mouse MSCs 2 h after encapsulation into alginate matrices with varying stiffnesses.
MSCs differentiation was dictated by matrix stiffness irrespective of cell morphology as MSCs
remained rounded independently of stiffness. Scale bars, 100 µm (i) and 10 µm (ii). Adapted
from [54] b) Representative bright-field images and c) percentage differentiation of human
MSCs within MeHA gels following 7 days of incubation in mixed osteogenic/adipogenic
culture medium. Adipogenesis was predominant regardless of the stiffness. Scale bars, 100
µm and 5 µm (insets). d) (i) Percentage of human MSCs differentiation towards osteogenic
or adipogenic lineages in gels with cleavable crosslinks (CC) or permanent crosslinks (PC) (#
p<0.005) (ii) Representative bright-field images of MSC staining for ALP (osteogenesis) and
lipid droplets (adipogenesis) in CC or PC hydrogels. (iii) Representative immunocytochemistry
for osteocalcin (OC, osteogenesis, green) and fatty acid binding protein (FABP, adipogenesis,
red) of MSCs in CC or PC hydrogels. Osteogenesis was favored for CC gels where cells were
able to pull on the surrounding matrix, and adipogenesis was favored for PC gels where cells
were unable to displace the surrounding matrix. Scale bars, 25 µm (ii) and 20 µm (iii). Adapted
from [47]
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In the case of macro-porous substrates, the size and the architecture of pores are likely
to affect MSCs differentiation. For example, Phadke et al. fabricated poly(ethylene glycol)
diacrylate-co-N-acryloyl 6-aminocaproic acid hydrogels with either randomly oriented pores
of 50 to 60 µm (spongy gel) or lamellar pores of 100 to 150 µm (columnar gel) and showed
that human MSCs cultured in spongy gels presented a more spread morphology as compared
to cells seeded in columnar gels, which tended to form small cellular aggregates along the pore
walls.[50] Although both pore architectures supported MSCs osteogenic differentiation, cells in
spongy gels exhibited significantly higher expression of several osteogenic markers and higher
calcium deposition, suggesting that the spongy gels promoted faster osteogenic differentiation
than the columnar gels. The enhanced osteogenic differentiation of MSCs in spongy gels
could be explained by the highly interconnected porous network which facilitated nutrients
transport. The difference in tortuosity of the pores might also influence cell differentiation.
Finally, the higher pore surface area in the spongy gels allowed for increased available area
for cell spreading, leading to more spread cells which favors osteogenesis.[50] In another
study, oligo(poly(ethylene glycol) fumarate) hydrogels were synthesized with a fixed pore size
(50-100 µm) and with varying porosity of 0, 20, and 40%. It has been found that the gel
with 40% porosity prolonged cell viability, which has been accounted for enhanced nutrient
transfer. In addition, ALP (Alkaline Phosphatase) activity of rat bone marrow MSCs was
higher for a porosity of 40% after 8 days, showing that greater porosity enhances osteogenic
differentiation.[51] Using the same hydrogels but with constant porosity of 75% and pore
size of 100, 300, and 400 µm, Dadstean et al. showed that rat bone marrow MSCs tended to
aggregate on the edge and inside the pores of the interconnected porous network.[224] ALP
activity and calcium deposition after 14 days were found to be significantly higher within
porous hydrogels than on regular tissue culture plastic, but no difference was observed for
the various pore sizes.[224] In addition to osteogenesis, hydrogel porosity has been found
to influence chondrogenesis. Recently, Yang et al. developed covalently crosslinked type I
collagen hydrogels with different pore architecture to study the impact on rat bone marrow
MSCs chondrogenesis.[225] They fabricated hydrogels presenting a porous network with large
and solid walls (the P group) with a pore size of 35 µm for P1 and 20 µm for P2, or hydrogels
displaying a fibrous network with abundant micropores (the F group) with a median pore size
of 0.7 µm for F1 and 0.3 µm for F2 (Figure 3.4a). MSCs were found to form clusters for all
samples, but with larger clusters within the F2 gel. Cell proliferation was faster for the F group
than for the P group, with F2 promoting the fastest proliferation. On the contrary, the cell area
was higher for the P group, with a well-organized actin network after 7 days of culture, while
cells presented a round morphology for the F group after 1 day and more spread cells but with
dispersed actin cytoskeleton after 7 days (Figure 3.4b), indicating that chondrogenic phenotype
was favored in the F group. Regarding cell differentiation, the expression of five different
chondrogenic markers was higher in the F group after 7 days, with the highest gene expression
observed for F2. Furthermore, glycosaminoglycans and collagen II, produced in cartilage, were
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found in the F group but much less in the P group, suggesting a more chondrogenic cell
type in the F group. Finally, cells in the P group presented calcium deposition indicating
that more MSCs in the P group underwent osteogenic differentiation than in the F group.
Similar observations were made in vivo, leading to the conclusion that the F group hydrogels
facilitated chondrogenesis. In a similar way to previous studies, the higher cell proliferation
rate of the F group was explained by the abundant well-interconnected micropores facilitating
proteins and cell metabolic wastes circulation. In addition, the dense porous network of F
group hydrogels provided a confined space for cells which resulted in cells with decreased
spreading area, dispersed actin cytoskeleton, and spherical morphology, directing cells towards
the chondrocyte phenotype. On the contrary, the P group hydrogels had a larger porous network
with relatively flat pore walls, providing flat surfaces for cells to spread, which was beneficial
for osteogenic differentiation. This study also confirmed the results obtained by Khetan et
al.[47] showing that MSCs tended to undergo osteogenic differentiation in degradable three-
dimensional hydrogels, as hydrogels from the P group exhibited faster degradation and higher
osteogenic differentiation.[225] Finally, collagen-hyaluronic acid hydrogels with three distinct
mean pore sizes (94, 130, and 300 µm) allowed an increase in rat bone marrow MSCs
attachment by increasing the pore size.[226] In addition, for smaller pore size, cells adopted
a flat morphology, whereas cells presented a rounded morphology for a larger pore size of 300
µm, which is correlated with a higher expression of chondrogenic markers for the largest pores.
The chondrogenic differentiation occurring preferably for the largest pores can be explained by
a better transport of chondrogenic factors and nutrients, as well as a lower specific surface area
which would result in lower cell adhesion ligand density, promoting rounded morphologies and
therefore directing cells towards the chondrocyte phenotype.[226]

FIGURE 3.4 – a) SEM images of covalently crosslinked type I collagen hydrogels with different
pore architecture. Hydrogels of the P group presented a porous network with large and solid
walls (pore size of 35 µm for P1 and 20 µm for P2) and hydrogels from the F group displayed
a fibrous network with abundant micropores (median pore size of 0.7 µm for F1 and 0.3 µm
for F2). b) Phalloidin (cytoskeleton in red)/DAPI (nuclei in blue) staining of rat bone marrow
MSCs encapsulated in the hydrogels. Cell area was higher in hydrogels from the P group. Scale
bars, 25 µm. Adapted from [225]
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3.4.3 Mechanical properties

The key to control and direct stem cell commitment into specific cell types required for
regenerative medicine is thought to lie in mimicking the properties of the extracellular matrix
(ECM) of cells. This goes through surface conjugation with biomolecules, which will be
discussed in the next section, and the control of the mechanical properties of the matrix. Indeed,
considering that cells mechanical microenvironments can be as physically diverse as brain,
muscle, cartilage or bone, it is thought that glass or plastic dishes, commonly used for standard
in vitro cell culture, fail to provide proper environment for cell growth and differentiation.[227]
Hence, over the past 15 years, a particular effort has been devoted to the development of
hydrogels with tunable stiffness mimicking native tissues to study the impact of stiffness on
cell adhesion, proliferation, and stem cells differentiation.
In particular, covalently crosslinked polyacrylamide hydrogels have been extensively used
for such studies, as they offer the possibility to simply modulate hydrogel stiffness by
varying their crosslinker content.[206] In pioneering work, Engler and colleagues synthesized
polyacrylamide gels with varying stiffness and coated them with type I collagen to evaluate
the effect of stiffness on human bone marrow MSCs differentiation (Figure 3.5a).[52] They
demonstrated that MSCs grown on soft matrices mimicking brain tissue (0.1 - 1 kPa) tended
to develop branched morphology and to express higher level of neurogenic differentiation
markers, whereas on matrices with intermediate stiffness close to the modulus of muscle (8
- 17 kPa), cells exhibited a spindle-shape typical of myoblasts, with greater expression of
myogenic markers.[52] Finally, MSCs cultured on more rigid matrices mimicking the stiffness
of osteoid (25 - 40 kPa), a collagen matrix secreted by osteoblasts, became polygonal in shape,
similar to osteoblasts and showed an up-regulation of osteogenic markers.[52] These results
suggest that optimizing the matrix mechanical properties could be a powerful tool to direct
stem cells differentiation into a specific lineage. This hypothesis has been confirmed ever since
by many other studies which are summarized in Table 1. Briefly, neurogenic[52, 53, 60, 62]
and adipogenic[54, 55, 56, 61, 228] differentiation have been found to be predominant on soft
matrices (from 0.1 to 5 kPa), myogenic commitment has been shown to be mostly encouraged
for stiffnesses between 8 and 40 kPa[52, 53, 55, 60, 69, 229], while tenogenic differentiation
was favored for stiffnesses between 30 and 50 kPa.[57] In addition, Yang et al. demonstrated
that a soft matrix, with a stiffness close to that of bone marrow (2 kPa), would allow MSCs
to maintain their stem cell phenotype.[230] Finally, the results obtained for chondrogenic
and osteogenic differentiation were more heterogeneous, with chondrogenic differentiation
reported both on soft matrices (0.5 - 1.5 kPa)[58, 59] and stiffer matrices (80 kPa)[60], and
osteogenic differentiation mentioned for a wide range of stiffnesses going from 1.5 up to 190
kPa[52, 54, 56, 57, 58, 59, 60, 61, 62, 63, 69, 228, 230, 231, 232, 233], although it would be
predominant between 20 and 60 kPa. Such inhomogeneity in the results could be explained
by the use of a broad range of techniques to evaluate hydrogels stiffness, which complicates
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the comparison between the different studies. In addition, Trappmann et al. showed different
results depending on the substrate used, as they obtained a stronger adipogenic differentiation
of MSCs on soft polyacrylamide gels (0.5 kPa) and a stronger osteogenic differentiation for
stiffer matrices (20 and 115 kPa) (Figure 3.5b and c), but they did not observe any effect of the
stiffness on MSCs differentiation for PDMS substrates.[55] These results have been explained
by the fact that cells do not pull directly the hydrogel matrix, but the covalently attached collagen
on the surface of the gel. Consequently, the strains applied by cells are resisted by the attached
collagen and the resistance is correlated to the number of anchorage points of collagen on the
underlying matrix. Thus, by reducing the anchoring density of collagen on a gel with a stiffness
of 20 kPa, cells did not exhibit the typical behavior for a stiffness of 20 kPa but behaved as if they
were on a gel with a stiffness of 2 kPa.[55] These findings can explain the different behavior of
cells between polyacrylamide hydrogels and PDMS, as well as the discrepancies observed over
the literature. Finally, as most in vitro studies focused on cell state under static conditions at a
particular time point, Lee et al. studied whether changing the biophysical aspects of the substrate
could modulate the degree of MSCs lineage specification.[62] They explored MSCs osteogenic
and neurogenic differentiation on soft (0.5 kPa) or stiff (40 kPa) hydrogels followed by transfer
of the cells to gels of the opposite stiffness. They observed that transferred MSCs, from soft to
stiff gels, tended to decrease the expression of neurogenic markers and to increase the levels of
osteogenic markers to levels that were comparable to cells that were cultured on the stiff gels
alone. In the same way transferred MSCs from stiff to soft gels showed a decreased expression
of osteogenic markers and an increased expression of neurogenic markers as compared to cells
maintained in culture on stiff substrates which mostly express osteogenic markers. Though,
the expression of osteogenic marker remained elevated compared to MSCs that were cultured
on soft gels, indicating that transferring MSCs from stiff to soft substrates does not lead to a
complete lineage reversal.[62]
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FIGURE 3.5 – a) Fluorescence intensity of human bone marrow MSCs differentiation markers
versus substrate elasticity revealed maximal lineage specification at the stiffness typical of
each tissue type. Average intensity was normalized to peak expression of control cells (murine
myoblasts C2C12 or human osteoblasts hFOB). Blebbistatin blocked all marker expression in
MSCs. Adapted from [52] b) F-actin staining (phalloidin staining ; red), Oil Red O and alkaline
phosphatase (Alk Phos) staining of human MSCs on polyacrylamide hydrogels. Nuclei were
counterstained with DAPI (blue). Scale bars, 200 µm. c) Quantification of MSCs spreading after
24 h and differentiation after 7 days (Oil Red O for adipogenic differentiation and Alk Phos for
osteogenic differentiation) in culture on polyacrylamide hydrogels (* p<0.05). Cell spread area
and osteogenic differentiation increased with hydrogel stiffness but remained constant from a
stiffness of 20 kPa, while adipogenic differentiation increased for decreasing stiffness. Adapted
from [55]
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Stem
Surface Culture

cell Hydrogel
coating medium

Stiffness Differentiation Ref.
source

h-BM
PAM

type I Growth
0.1-1 kPa Neurogenic 0.1-1 kPa [52]

MSCs collagen medium
8-17 kPa Myogenic 8-17 kPa
25-40 kPa Osteogenic 25-40 kPa

h-BM
PAM

type I Growth 0.7 - 9 - 25 Myogenic 25-80 kPa [69]
MSCs collagen medium - 80 kPa Osteogenic 80 kPa

h-BM
PAM

type I Growth 7 - 19 - 27
Osteogenic 42 kPa

[63]
MSCs collagen medium - 42 kPa

h-BM
PAM

type I Growth 1 - 3 - 7 Adipogenic 1 kPa [61]
MSCs collagen medium - 15 kPa Myogenic 15 kPa

h-MSCs
type I

Mixed 0.5 - 2 - 20
Adipogenic 1 kPa [55]

PAM

collagen
osteogenic and - 115 kPa

Osteogenic 20 -

adipogenic
115 kPa

PDMS medium
0.1 - 40 -

No impact
800 kPa

h-BM
type I

Growth

gradients
Tenogenic 30 to [57]

MSCs
collagen

medium

10 to 30
50 kPa

PAM 30 to 50
Osteogenic 70 to

70 to 90
90 kPa

fibronectin kPa
Osteogenic 30 to 50
kPa and 70 to 90 kPa

h-BM
PAM

type I Osteogenic
1.5 - 26 kPa Osteogenic 26 kPa

[231]
MSCs collagen medium

h-MSCs PAM
type I Growth

1.6 - 40 kPa
Chondrogenic 1.6 kPa [58]

collagen medium Osteogenic 40 kPa

h-ASCs PAM
type I Growth 4 - 13 - 30 Adipogenic 4 kPa [56]

collagen medium kPa Osteogenic 30 kPa

h-BM
PAM fibronectin

Growth 0.5 - 40 Neurogenic 0.5 kPa [62]
MSCs medium kPa Osteogenic 40 kPa

h-MSCs PAM fibronectin
Growth 15 - 37 - 50

Osteogenic 63 kPa
[233]

medium - 63 kPa

mouse-
Growth 15 - 50

[232]
BM PAM fibronectin

medium - 63 kPa
Osteogenic 63 kPa

MSCs

h-MSCs
gelatin-

/
Growth 0.6 - 2.5 - 8 Neurogenic 0.6 kPa [53]

HPA medium - 13 kPa Myogenic 13 kPa
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mouse-
Mixed

2.5 - 5 - 12
Adipogenic 2.5 - 5 [54]

MSCs / alginate
RGD osteogenic and

- 20 - 110
kPa

h-MSCs
peptide adipogenic

kPa
Osteogenic 12 - 20

medium kPa

rat-BM collagen- Growth 0.5 - 1 - 1.5
Chondrogenic 0.5 kPa [59]

MSCs GAG
/

medium kPa
Osteogenic 1.5 kPa

h-BM gelatin-
Adipogenic or

0.15 - 1.5 -
Adipogenic 4 kPa [228]

MSCs HA
/ osteogenic

4 kPa
medium Osteogenic 4 kPa

h-MSCs
silk

/
Growth 6 - 20 - 33

Myogenic 33 kPa
[229]

fibroin medium - 64 kPa

Mixed
Stem cell 2 kPa

[230]
h-BM

PEG
RGD osteogenic and

2 - 12 kPa
MSCs peptide adipogenic

Osteogenic 12 kPa
medium

Growth
Neurogenic 20 kPa [60]

h-BM
PVA-HA /

medium
gradient 20 Myogenic 40 kPa

MSCs to 200 kPa Chondrogenic 80 kPa
Osteogenic 190 kPa

TABLE 3.1 – Differentiation of mesenchymal stem cells seeded on hydrogels with varying
stiffness. h = human, BM MSCs = bone marrow mesenchymal stem cells, ASCs = adipose stem
cells, PAM = polyacrylamide, PDMS = polydimethylsiloxane, HPA = hydroxyphenyl propionic
acid, GAG = glycosaminoglycan, HA = hyaluronic acid, PEG = polyethylene glycol, PVA =
polyvinyl alcohol.

Besides cell differentiation, it has been shown that matrix stiffness has a great impact
on cell adhesion, spreading and proliferation. Many studies agree on the fact that cell area
increases with matrix stiffness, with small and round cells with few stress fibers and focal
adhesions on soft substrates, and highly spread cells with organized actin cytoskeleton and
focal adhesions on stiff substrates.[52, 58, 61, 69, 230, 234] In addition, cell attachment and
proliferation have been reported to be greater on stiffer matrices.[53, 58, 69, 229, 232] These
observations would be explained by the fact that MSCs, as well as other cell types, can sense
the rigidity of the substrate by exerting contractile forces, thanks to cell receptors as integrins,
which can cluster into complexes known as focal adhesions that allow cell adhesion to the
matrix. Focal adhesions can connect the substrate to cell cytoskeleton, providing physical links
between mechanical environment and intracellular contractile architecture.[64] It is believed
that cells on soft gels need to be less contractile than on stiff gels to adhere to the matrix. This is
correlated with highly spread cells with organized actin cytoskeleton and stable focal adhesions
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on stiff gels, which maintain cell contractility, and more round cells with dynamic adhesions and
no cytoskeleton organization on soft substrates.[65] Finally, as the cytoskeleton is associated
with nuclear structures, the physical properties of cells are linked to gene expression.[66] In
summary, matrix stiffness influences cell spreading and cytoskeleton organization which, in
turn, drives cell differentiation through different pathways that have unfortunately not all been
elucidated yet.

In this context, hydrogel substrates can also serve as a powerful tool for the measurement
of traction forces exerted by cells on the extracellular matrix. The general method consists in
cultivating cells on top of hydrogels containing thousands of fluorescent beads and following the
displacements of the beads to calculate cell generated forces. For example, polyacrylamide[235,
236] or agarose[237] hydrogels have been used to study the distribution of forces exerted by
fibroblasts or even metastatic breast adenocarcinoma cells in 2D culture. This method enabled
to follow the dynamic mechanical interaction of the cells and their substrate and to characterize
the location and magnitude of the traction forces. The same methodology was applied for
3D cell culture as it is more representative of the in vivo cell behavior. As such, Legant
et al. encapsulated fibroblasts in 3D polyethylene glycol hydrogels containing around 70000
fluorescent beads and tracked the displacements of the beads in the vicinity of each cell to obtain
a three-dimensional map of cell induced deformations.[238] Although these studies can provide
useful results for the understanding of cell-matrix interactions, they have been conducted mainly
with fully differentiated fibroblasts. Consequently, individual studies are required to investigate
the behavior of different cell types, as the results obtained with fibroblasts are not directly
transposable to other cells.

Although it is clear that matrix stiffness has a great impact on stem cell fate, it is
now acknowledged that the mechanical properties of hydrogels and living tissues are not
limited to elasticity, but include viscoelastic properties. Viscoelastic materials first resist
to cell generated forces because of their elasticity, and then dissipate the applied forces
over time due to their viscoelastic response, which can dramatically alter cell behavior.[66]
However, only few studies investigated the impact of hydrogels viscoelastic properties on cell
adhesion, proliferation, and stem cell differentiation. For example, Cameron et al. varied the
formulation of polyacrylamide hydrogels to obtain matrices with a constant elastic modulus
(4.7 kPa) and with varying viscous modulus (1, 10, 130 Pa).[67] They showed that human
bone marrow MSCs spread area and proliferation increase with the viscous modulus. In
addition, adipogenic, myogenic, and osteogenic differentiation were enhanced for the highest
viscous modulus, in the presence of differentiation supplements.[67] Similarly, Charrier et al.
developed polyacrylamide hydrogels with a constant elastic modulus (5 kPa) with varying
viscous modulus (0, 200, 500 Pa) by entrapping linear polyacrylamide into the hydrogel
network.[94] They observed that mouse fibroblasts had overall smaller areas on viscoelastic gels
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than on purely elastic gels. In addition, they showed that the percentage of rat hepatic stellate
cells undergoing myofibroblast differentiation decreased as the viscous modulus increased, and
that differentiated cells had the ability to de-differentiate on substrates with higher viscous
modulus.[94] Chaudhuri and colleagues compared the effect of covalently crosslinked alginate
hydrogels (elastic substrates) and chemically crosslinked alginate hydrogels (stress relaxing
substrates) of varying elastic modulus (1.5, 3, 9 kPa) on the spreading of human osteosarcoma
cells and mouse fibroblasts.[95] They confirmed that the cell-spreading area increases with
the hydrogel stiffness and they observed enhanced cell spreading on stress-relaxing substrates
relative to elastic substrates, with greater cell focal adhesion formation and higher number
of cells forming stress fibers.[95] Using similar hydrogels, Bauer et al. showed that mouse
myoblasts had a significantly higher cell-spreading area as the elastic modulus was increased
from 2.8 kPa to 49.5 kPa on elastic gels, while for stress-relaxing gels, the cell-spreading
area increased from 2.8 to 12.2 kPa, but did not further increase with higher modulus.[96]
However, myoblast proliferation was higher on stress-relaxing substrates as compared to elastic
substrates for all investigated elastic moduli.[96] In another study, Chaudhuri et al. developed
alginate hydrogels using different molecular weight polymers in combination with different
crosslinking densities of calcium to obtain matrices with constant elastic modulus but different
relaxation time.[68] They evidenced that both spreading and proliferation of mouse fibroblasts
increase with faster stress relaxation, for a constant elastic modulus of 9 kPa. Moreover, they
observed adipogenic differentiation of human MSCs for an elastic modulus of 9 kPa, with the
level of adipogenesis decreasing in rapidly relaxing gels, and very low levels of osteogenic
differentiation. In contrast, no adipogenic differentiation was observed for a higher initial elastic
modulus of 17 kPa, while osteogenic differentiation was significantly enhanced in gels with
faster stress relaxation (Figure 3.6).[68] These studies highlight the importance of considering
the effect of both elasticity and viscoelastic properties on cell behavior, as they can have
a great impact on cell adhesion, proliferation, and differentiation. In addition, these results
seem to show that cell response to varying viscoelastic properties might depend on cell type.
Consequently, more efforts should be dedicated to such studies in order to provide tools for
the control of cell behavior for regenerative medicine purposes, as they are still lacking today.
Finally, hydrogel materials offer many possibilities for mimicking the mechanical properties
of the extracellular matrix and providing a suitable environment for controlled cell growth and
fate.
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FIGURE 3.6 – a) Representative images of Oil Red O (ORO) staining (red), indicating
adipogenic differentiation, and alkaline phosphatase (ALP) staining (blue), indicating early
osteogenic differentiation, for human MSCs cultured in alginate gels of indicated modulus and
timescale of stress relaxation for 7 days. Gels were functionalized with RGD peptide to promote
cell adhesion. Scale bars, 25 µm. b) Quantification of the percentage of cells staining positive
for ORO, and a quantitative assay for alkaline phosphatase activity from lysates of cells in gels
from the indicated conditions at 7 days in culture. *, **, and **** indicate p < 0.05, 0.01, and
0.0001 respectively. Adipogenesis occurred preferably for a soft gel with long relaxation times,
while osteogenesis was favored on a stiffer gel with short relaxation times. Adapted from [68]

3.4.4 Bio-functionalization

Over the past years, the conception of biomaterials has evolved from inert materials,
which do not interact with the cells of the host organism, into sophisticated substrates with
the capability to communicate with cells and direct their fate.[71, 239] Specifically, tuning
the biochemical cues of the substrate has been identified as a promising way to direct cell
fate. Many studies have therefore investigated the impact of several signaling molecules,
such as growth factors, extracellular matrix proteins, and peptides, on cell behavior in terms
of adhesion, spreading, and differentiation.[239] If these cues can be presented to cells in
a soluble form, their immobilization on the material generally improves their stability and
provides better control over their density and orientation.[71, 239] In the natural in vivo
environment, it is acknowledged that cell adhesion and differentiation are partly mediated
by the interaction with various proteins anchored in the ECM, which is mainly driven by
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integrin receptors.[71] MSCs reside in a niche made up of neighboring cells and the ECM
infused with autocrine and paracrine soluble growth factors notably.[240] Cellular behavior
depends on the abundance and distribution of bioactive factors in the ECM, which undergoes
remodeling[241] as a result of cells self-renewal and differentiation.[242] For instance, during
MSCs proliferation, the native ECM has a higher concentration in fibroblast growth factor-
2 (FGF-2)[243], while the ECM is richer in bone morphogenic protein-2 (BMP-2) during
osteogenic differentiation. Therefore, the classical approach in materials biofunctionalization
consists in mimicking the cellular microenvironment through interaction with growth factors,
proteins, and peptides.[71] Growth factors are soluble molecules that stimulate cell growth,
differentiation, survival, and tissue repair through specific binding of transmembrane receptors
on target cells.[136] The immobilization of growth factors and proteins to biomaterials prevents
the loss of bioactivity caused by their progressive release from the material in the soluble
form.[136] Nevertheless, the use of full-length proteins is limited by the complexity and high
costs of production and purification, as well as their lack of stability, as they are very susceptible
to changes of pH, temperature, and solvents-induced conformational changes.[71] In addition,
proteins generally present different binding sites that interact with various cell receptors and
might trigger unwanted cellular responses.[239] The use of synthetic peptides, derived from
a particular sequence of a full-length protein, might circumvent these limitations as they can
be produced in large quantities with high purity and at low cost. Moreover, they are more
stable to pH and temperature changes, and they can be tuned to introduce anchoring units to
allow their binding to the surfaces without losing their biological activity.[71] Finally, besides
biomolecules, some attention is also given to studying the effect of different chemical functional
groups on cell behavior.

If it is known that the ECM is composed of different proteins, it can also be considered
at a smaller scale as it contains specific chemical functional groups depending on the
type of tissue. Indeed, carboxylic acid functionalities are typical of cartilage, as it is rich
in glycosaminoglycans, while phosphates are highly present in mineralized tissue forming
bone, and hydrophobic functional groups are characteristics of adipose cells as they are
rich in lipids and release fatty acids.[244] For example, Wang et al. synthesized PEG
hydrogels (PEG), PEG hydrogels containing phosphate groups (PhosPEG), or copolymer
hydrogels of PEG and PhosPEG (PhosPEG-PEG), and showed that only PhosPEG-PEG
gels promoted osteonectin, collagen I and ALP production of goat MSCs, indicating an
enhanced osteogenic differentiation.[245] In addition, calcium deposition was higher for the
copolymer hydrogels. The authors explained these differences by the degradation rate of the
various hydrogels, arguing that the presence of cleavable phosphoesters allowed PhosPEG-
PEG hydrogels degradation which promoted mineralization by converting the phosphoesters
into insoluble calcium phosphate, which did not occur for PEG gels. Finally, for PhosPEG gels,
the degradation rate might be too high to promote differentiation and matrix deposition.[245]
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Using polyacrylamide hydrogels modified by plasma treatment to create surfaces with amino
groups, carboxyl groups, or phosphate groups, Lanniel et al. evidenced that human MSCs
differentiation was impacted by the combination of surface chemistry and matrix stiffness.[246]
MSCs exhibited higher neurogenic differentiation for matrices with carboxyl groups and a
stiffness of 6.5 kPa, while myogenic differentiation was enhanced for a stiffness of 10 kPa
and carboxyl groups, and osteogenic differentiation was favored for a stiffness of 41 kPa
and phosphate groups.[246] Similarly, Benoit et al. demonstrated that human MSCs cultured
on PEG hydrogels carrying acid, phosphate, and t-butyl groups tended to differentiate into
chondrocytes, osteoblasts, and adipocytes, respectively.[244] However, it is not clear whether
these observations are due to direct interactions with the functional groups or with proteins
that would be preferentially adsorbed on materials presenting specific chemical environments.
Indeed, it has been demonstrated that human bone marrow MSCs had limited attachment
on PEG hydrogels or phosphate functionalized PEG hydrogels (PhosPEG) without serum in
the culture medium, while PhosPEG gels promoted significantly higher cell attachment and
spreading in the presence of serum compared to control PEG hydrogels, as PhosPEG hydrogels
promoted higher protein adsorption.[247] In the same way, Ayala et al. controlled surface
hydrophobicity of polyacrylamide based hydrogels by varying the alkyl chain length of pendant
side chains, terminated by a carboxylic acid function, to evaluate the impact on human MSCs
behavior and protein adsorption.[248] It has been observed that cell adhesion and cell surface
area increased progressively when increasing the length of the alkyl chain from one carbon (C1)
to five carbons (C5), but decreased for six (C6), seven (C7), or ten carbons (C10). After 14 days
of culture in osteogenic culture medium, several osteogenic markers were expressed for cells
on C5 hydrogels while they were not detected for cells on C3 hydrogels (Figure 3.7). When
cultured with myogenic culture medium, MSCs stained positive for myogenic markers on C5
hydrogels, while they underwent cell death on C3 hydrogels. These results were correlated with
protein adsorption as these hydrogels were found to selectively adsorb fibronectin and laminin
from the serum, with little proteins found on C1, C3, and C7 hydrogels, and abundant proteins
adsorbed on C5 hydrogels. These observations were explained by the fact that the side chain
must be sufficiently long to allow the terminal carboxyl groups to reach the binding sites on
the proteins, explaining the small adsorption of proteins for hydrogels with short alkyl chains.
However, when the side chains are too long, they become more hydrophobic and collapse onto
the surface of the hydrogel, decreasing the accessibility of carboxyl groups for binding.[248]
Therefore, MSCs response to surface chemistry is likely to be attributed to differences in protein
adsorption rather than direct interaction with varying chemical groups (acid, phosphate, t-butyl
groups, and alkyl chains).
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FIGURE 3.7 – Osteogenic differentiation of human MSCs cultured on polyacrylamide based
hydrogels carrying surface alkyl chains with 3 (C3) or 5 (C5) carbons and on glass coverslips
(Cvs). Alkaline phosphatase (ALP) staining at 14 days in osteogenic medium. Alizarin red
S (AR) and immunofluorescent (green) staining for collagen I (Col1) and osteocalcin (Ocn)
after 21 days. White (C5 hydrogels) and black (glass coverslips) arrowheads, in alizarin red S
staining, point to calcium nodules. Scale bars, 200 µm (ALP), 100 µm (AR and Col1), and 50
µm (Ocn). The C5 hydrogels led to higher osteogenesis. Adapted from [248]

The ECM is composed of different proteins, which interact with cell surface receptors, as
well as growth factors. If growth factors are usually solubilized in the culture medium for in
vitro culture, the in vivo configuration is different as these molecules are sequestered in the
ECM and interact with nearby cells.[249] In addition, as proteins and growth factors have
short serum half-lives, their immobilization can increase the persistence of signaling and allows
control of the delivered dose.[249] For example, Rowlands et al. immobilized various ECM
proteins (collagen I, collagen IV, fibronectin, and laminin) on polyacrylamide hydrogels with
varying stiffness (0.7, 9, 25, and 80 kPa) and studied the impact on myogenic and osteogenic
differentiation of human bone marrow MSCs (Figure 3.8).[69] It has been found that MSCs
osteogenic differentiation occurred predominantly on the stiffest gel (80 kPa) coated with
collagen I, which may be attributed to the fact that this combination best mimics the natural
microenvironment of bone. The osteogenic marker expression was very low on both collagen
IV and laminin coated gels, regardless of gel stiffness, which suggests that cell differentiation is
mediated by substrate stiffness in combination with the presented ECM molecule. For myogenic
differentiation, the maximum expression of myogenic marker occurred on fibronectin coated gel
with a stiffness of 25 kPa. Moreover, it has been observed that collagen I and laminin coated
gels showed the highest expression at a stiffness of 80 kPa, while cells cultured on fibronectin
and collagen IV coated gels had the greatest expression for a stiffness of 25 kPa, which confirms
the interplay between stiffness and adhesive ligand presentation.[69] As different proteins
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and different combinations of proteins are susceptible to influence the cell fate, Dolatshahi-
Pirouz et al. developed miniaturized human MSC-laden gelatin hydrogel constructs entrapping
various proteins, including fibronectin (FN), laminin (LN) and osteocalcin (OCN), to study the
impact of these proteins on MSCs osteogenic differentiation.[70] They evidenced that constructs
combining several proteins, and especially FN-OCN and LN-FN-OCN, resulted in higher
ALP expression and calcium deposition, as compared to individual incorporation of ECM
proteins. The authors explained that the functional properties of ECM proteins can be changed
through protein-protein interactions, as it causes structural alterations that might expose hidden
osteogenic regions on combined proteins, thereby enhancing the osteogenic differentiation of
MSCs.[70] While functionalizing the hydrogel with ECM proteins is an approach to direct
cell differentiation, the strategy of Benoit et al. consisted in immobilizing heparin on a PEG
hydrogel, as heparin is capable of interacting with numerous proteins associated with osteogenic
differentiation.[250] The authors showed that hydrogels functionalized with heparin led to
higher expression of osteogenic markers of human MSCs as compared to functionalization with
RGD peptide (a cell adhesion peptide present in several matrix proteins such as fibronectin,
vitronectin, osteopontin and bone sialoprotein[251]) or with both heparin and RGD. These
results were explained by a higher binding affinity of heparin with the proteins and growth
factors from the culture medium, therefore promoting osteogenic differentiation.[250] The
immobilization of growth factors such as transforming growth factor β (TGF-β), which
regulates multiple biological processes including embryonic development, adult stem cell
differentiation, immune regulation, wound healing, and inflammation[252], was also studied
for its potential to direct cell fate. For example, Kopesky et al. observed that adsorbed TGF-
β1 onto peptide or agarose hydrogels induced increased chondrogenesis of equine and bovine
MSCs over MSCs cultured in TGF-β1-free conditions, and similar chondrogenesis to MSCs
cultured with TGF-β1 in the culture medium.[253] In addition, agarose hydrogels with adsorbed
TGF-β1 stimulated the production of full-length aggrecan, a constituent of cartilage, while
the presence of TGF-β1 in the culture medium led to aggrecan cleavage. However, tethered
TGF-β1 neither stimulated accumulation of cartilage components nor induced proliferation
of MSCs encapsulated in hydrogels, which might be explained by a lower accessibility of
TGF-β1 and by the accumulation of newly secreted matrix proteins that may block tethered
TGF-β1 from cell receptors.[253] On the contrary, McCall et al. showed that tethered TGF-
β on PEG hydrogels, with a concentration higher than 10 nmol.L−1, promoted human MSCs
chondrogenic differentiation to a similar extent than chondrogenic culture medium containing
soluble TGF-β[86]. Finally, Ding et al. recently evaluated human MSCs differentiation into
vascular smooth muscle cells (vSMCs) on PEG hydrogels functionalized with RGD peptides
or with both RGD and TGF-β1.[254] They demonstrated that all hydrogels led to higher gene
expression compared to undifferentiated MSCs or primary vSMCs cultured on plastic, showing
that the expression of vSMCs markers was predominantly regulated by soft matrix environment
(stiffness of 5 kPa) regardless of the presence of soluble or tethered TGF-β1. However, cells
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on hydrogels with tethered TGF-β1 exhibited greater calcium intake and higher levels of
intracellular calcium signaling, as well as greater cell contractility, which are typical features
of vSMCs. These results suggested that tethered TGF-β1 is more performant in directing
MSCs differentiation towards functional vSMCs compared to soluble TGF-β1 that is generally
used.[254]

FIGURE 3.8 – Representative images of human MSCs stained for MyoD1 (myogenic marker)
and Runx2 (osteogenic marker) cultured on gels of various stiffness and protein coating. Runx2
expression was higher on stiff gels coated in collagen I, whereas MyoD1 was expressed in
varying amounts on substrates with a stiffness higher than 9 kPa, regardless of protein coating.
Adapted from [69]

Synthetic peptides derived from ECM proteins represent a good alternative to the use of
full-length proteins for materials biofunctionalization as they are readily available by synthetic
methodologies, with tunable structure and high purity, and their use is exempt of immunogenic
risks.[71] One of the first peptidic sequences used for biomaterials functionalization, which
is still among the most widely used, is the cell adhesion sequence Arg-Gly-Asp (RGD),
isolated from fibronectin.[239] Various studies have tethered RGD peptides on hydrogels,
showing that peptides length, structure, and concentration could impact MSCs adhesion and
differentiation. For example, Shin et al. showed that MSCs adhesion was not enhanced on
hydrogels surface if the molecular weight of the peptide was smaller than the molecular weight
between hydrogel crosslinks, as the peptide was buried inside the network and no receptor-
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ligand complex was formed.[255] The structure of the peptide is also likely to influence
cell behavior as human MSCs osteogenic differentiation was enhanced when encapsulated
in alginate hydrogels presenting cyclic RGD peptides over linear RGD peptides, as cyclic
peptides might promote more stable cell-ligand bonds.[256] Finally, peptide concentration is
another parameter to consider to direct cell fate. It has been evidenced that the production of
osteocalcin and ALP of goat MSCs, encapsulated in PEG hydrogels functionalized with RGD
peptides, increased with the RGD concentration (from 0.025 to 2.5 mmol.L−1), suggesting
greater osteogenesis for the highest RGD concentration.[257] However, no influence of RGD
concentration (from 0.1 to 2.5 mmol.L−1) was observed on the osteogenic differentiation of
human ASCs cultured on 2D polyacrylamide gels.[56] Peptides derived from other proteins or
designed to bind to specific molecules were also investigated. For example, MSCs encapsulated
within alginate hydrogels functionalized with RGD or DGEA (Asp-Gly-Glu-Ala) peptides
(derived from the α2β1 integrin-binding domain of collagen I) expressed the highest level of
osteogenic markers for hydrogels presenting the DGEA peptide.[258] Parmar et al. showed
that the incorporation of HA-bound and CS-bound peptides, designed to bind hyaluronic acid
(HA) and chondroitin sulfate (CS) respectively, into collagen based hydrogels significantly
enhanced the chondrogenic differentiation of human MSCs.[259] Specifically, the HA-bind
hydrogels directed the highest increase in chondrogenic genes expression, leading to the greatest
total collagen and glycosaminoglycans accumulation as compared to CS-bound hydrogels,
RGD hydrogels or hydrogels without surface conjugated peptides.[259] Similarly, hyaluronic
acid hydrogels functionalized with a collagen mimetic peptide ((GPO)8-CG-RGDS) promoted
greater chondrogenic differentiation of rabbit bone marrow MSCs as compared to gels without
surface conjugated peptides.[260] On the contrary, Connelly et al. reported that agarose
hydrogels functionalized with three different peptides (a RGD peptide, a collagen mimetic
peptide containing the GFOGER motif [Gly-Phe-hydroxy Pro-Gly-Glu-Arg], or a fragment of
fibronectin FnIII7-10) led to inhibition of cartilage matrix synthesis and chondrogenic gene
expression of calf bone marrow MSCs.[261] These results support their previous observations
that RGD peptides inhibited chondrogenic differentiation of calf MSCs encapsulated in alginate
gels. In addition, this inhibition increased with increasing bulk densities of RGD in the gel.[262]
Vega et al. observed the same trend of chondrogenic differentiation inhibition of human MSCs
in hyaluronic acid hydrogels when increasing RGD concentration (from 0 to 5 mmol.L−1).[263]
However, they highlighted that a peptide containing the HAV (His-Ala-Val) motif extracted
from N-cadherin, a transmembrane protein that mediates cell-cell adhesion and that is important
for chondrogenesis, enhanced MSCs chondrogenic differentiation in a dose dependent manner
(Figure 3.9a, b, and c).[263] These findings corroborate with the study of Kwon et al. as they
evidenced that the inclusion of a HAV peptide into hyaluronic acid hydrogels enhanced human
MSCs chondrogenesis in a dose dependent manner. In addition, this effect was lost when the
peptide was not permanently linked to the substrate.[264] Similarly, Bian et al. reported that
conjugating a HAV peptide to hyaluronic acid hydrogels promoted chondrogenesis of MSCs
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and cartilage-specific matrix production as compared to unmodified gels or gels modified with
a scrambled peptide.[265] Subcutaneous implantation of MSC-seeded hydrogels in mice also
led to superior neocartilage formation in implants functionalized with the N-cadherin mimetic
peptide compared with controls.[265] As N-cadherin would also be involved in the early stage of
osteogenesis, Zhu et al. investigated the impact of a HAV peptide on human MSCs osteogenic
differentiation.[266] It has been demonstrated that hyaluronic acid hydrogels functionalized
with the combination of HAV and RGD peptides upregulated the expression of osteogenic
markers, including type I collagen, osteocalcin, ALP and Runx2, and led to higher calcium
content, as compared to hydrogels with RGD peptide or without peptide. The opposite effect
was observed when the N-cadherin peptide was supplemented in the culture medium.[266]

FIGURE 3.9 – a) Rhodamine-labeled RGD (GCGYGRGDSPG) or fluorescein-labeled HAV
(HAVDIGGGC) peptide gradients on hyaluronic acid hydrogels. b) Effects of HAV and RGD
gradients on transcription factor Sox9 expression (chondrogenic marker). c) Effects of HAV
and RGD gradients on aggrecan synthesis. Generally, higher nuclear Sox9 and aggrecan content
were observed with decreasing RGD and for increasing HAV. *, **, and *** indicate p < 0.05,
0.01, and 0.001, respectively, compared to lowest peptide region (gray dashed line). Adapted
from [263]

Bone morphogenetic proteins (BMPs) are a group of bioactive proteins that constitute
important inducing factors during embryonic development and are closely related to
osteoinduction.[15] Among them, BMP-2 plays a significant role in stimulating the
differentiation of MSCs into osteoblasts by regulating the transcription of osteogenesis-related
genes such as ALP, type-I collagen, osteocalcin, and bone sialoprotein genes.[15] Consequently,
several studies have used peptide sequences derived from the BMP-2 protein to promote MSCs
osteogenic differentiation. Particularly, the peptide sequence corresponding to residues 73-92
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of the knuckle epitope of recombinant human BMP-2 is mainly used as it would be implicated
in osteogenic differentiation of bone marrow MSCs.[267] Alginate hydrogels functionalized
with this peptide have been shown to promote higher MSCs ALP activity, as well as calcium
and phosphate deposition, than hydrogels functionalized with RGD or DWIVA (Asp-Trp-Ile-
Val-Ala, also extracted from BMP-2 protein) peptides, although the use of full-length BMP-
2 protein led to the highest ALP activity, and calcium and phosphate deposition.[72] On
polyacrylamide-based hydrogels, it has been found that surface modification with BMP-2
mimetic peptides engaged the commitment of human MSCs into osteogenic lineage regardless
of the mechanical properties of the substrate (for stiffnesses of 15 and 47 kPa), except for
very soft gels (stiffness of 0.76 kPa).[268] In addition, synergistic effects have also been
found between the BMP-2 mimetic peptide and other peptides. For example, He et al. showed
that the functionalization of poly(lactide-co-ethylene oxide-co-fumarate) hydrogels with both
RGD and BMP-2 peptides led to significantly higher ALP activity and calcium production
than RGD conjugated or BMP grafted hydrogels.[73] Later, using the same hydrogels, this
group confirmed that ALP activity of BMP-2 peptide grafted gels was significantly higher
than RGD grafted gels.[269] In addition, they found that gels grafted with a combination
of RGD, BMP-2, and OPD (isolated from osteopontin) peptides presented the highest ALP
activity and calcium deposition of rat MSCs. This combination has also proven to induce
the strongest expression of vasculogenic markers (Figure 3.10).[269] Osteopontin (OPN) is
one of the non-collagenous proteins present in bone matrix. OPN is expressed in cells of
the osteoblastic lineage and plays a critical role in the maintenance of bone.[270] Another
peptide sequence isolated from osteopontin (ODP peptide) and containing the RGD motif has
been grafted onto oligo(poly(ethylene glycol) fumarate) hydrogels to investigate the effect of
the biomimetic surface on MSCs differentiation into osteoblasts.[271, 272] It has been found
that the presence of signaling peptides (RGD and ODP) was favorable for MSCs osteogenic
differentiation, although the differentiation and mineralization of the MSCs was not dependent
on the peptide sequences used.[271, 272] Identifying proteins sequences responsible for a
defined cell response is a key to control cell fate, as Lee et al. showed that the peptide
corresponding to the residues 150-177 of human osteopontin allowed for higher ALP activity
and mineralization of human MSCs when immobilized on alginate gels as compared to the
peptide corresponding to the 53-80 sequence of osteopontin.[273] Finally, as the peptides
sequences and the combination of peptides used are susceptible to influence cell fate, the
development of microarrays might be an interesting tool for high-throughput screening of
cellular behavior in multivariate microenvironments.[274]
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FIGURE 3.10 – Effect of BMP-2 (BMP) and osteopontin (OPD) mimetic peptides grafting on
RGD-conjugated hydrogels on the expression of vasculogenic markers of rat MSCs after 28
days of incubation. Hydrogels presenting the combination of RGD, BMP and OPD peptides
promoted higher expression of vasculogenic markers. (mOPD = mutant OPD peptide)[269]

In addition to the composition and density of adhesion ligands on a substrate, the spatial
distribution of these ligands has also been shown to influence MSCs behavior. For example,
Kasten et al. designed adhesive lines of fibronectin with varying width (between 10 µm and
80 µm) and spacings (between 5 µm and 20 µm) onto NCO-sP(EO-stat-PO) cell-repellent
hydrogels.[275] This study revealed that human MSCs presented highly aligned actin filaments
with decreasing the size of fibronectin lines and a directed migration of cells was observed
along the lines as opposed to homogeneous surface coating, with a higher migration rate with
decreasing line width. These constructs enabled to direct stem cells migration which would be
important for tissue formation and regeneration. In addition, fabricating substrates with line
patterns that allow cell bridging over non-adhesive gaps would mimic the ECM architecture
as it is comprised of a fibrous network to which cells adhere and form bridges to cross the
micron-sized gaps inside the filamentous network.[275] Patterning the adhesive ligands to form
different shapes has also proven to be useful for directing MSCs differentiation. Micro-islands
of RGD peptide, with different sizes (from 177 to 5652 µm2) and containing single cells, were
made on PEG hydrogels to study the impact of cell size on MSCs differentiation (Figure 3.11a
and b).[74] It has been found that small cells preferred adipogenic commitment (from 177 to
1413 µm2), while large cells preferably underwent osteogenic differentiation (from 2826 to
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5652 µm2).[74] Nano-sized patterns might also influence cell fate as RGD nanopatterns with
different spacing (37, 53, 77, 87 and 124 nm) made on PEG hydrogels showed a decreased
cell density and spreading area with the increase of nanospacing, unexpectedly related to a
higher MSCs osteogenic and adipogenic differentiations, under differentiation culture media,
with the increase of RGD nanospacing.[276] These results indicate that micro- and nanopatterns
both allow to direct stem cells differentiation, although the effects are different. By varying the
patterns shape of several proteins immobilized on polyacrylamide gels, Lee et al. demonstrated
that smaller circular features promoted a higher expression of adipogenesis markers (1000 µm2

> 3000 µm2 > 5000 µm2), while cells in anisotropic features such as 4-branched stars and
ovals preferred neurogenic differentiation (Figure 3.11c).[75] In addition, MSCs cultured on
fibronectin tended to express elevated adipogenic markers while MSCs on collagen tended to
express elevated neurogenic markers.[75] In another study, this research team cultured MSCs
on unpatterned soft or stiff polyacrylamide gels for 10 days, and then transferred the cells to
different stiffness substrates containing patterns of fibronectin (circle, oval, star, or unpatterned ;
5000 µm2).[62] They highlighted that transferred cells (from soft to stiff) in oval and star
shapes showed a higher expression of osteogenic markers compared to cells in other shapes,
presumably because these shapes increase cytoskeleton tension which is known to promote
osteogenesis. Then, MSCs that were transferred from stiff gels to oval and star shapes on soft
gels showed an increased expression of neurogenic markers, demonstrating the importance of
anisotropic geometries in guiding the extension of neuron-like processes.[62] These findings
corroborated with a third study in which patterned MSCs in circular shapes displayed a
disordered cytoskeleton without expression of osteogenic markers, while MSCs cultured in
geometries that promoted an increased cytoskeletal tension (elongated oval shape and concave
shape) showed a higher expression of osteogenic markers, particularly for a stiffness of 30
kPa.[76]
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FIGURE 3.11 – Differentiation of single MSCs on microislands of a series of sizes. a)
Fluorescent micrographs of single MSCs on microislands of varying size. Red : F-actin,
blue : nuclei. b) Percentages of adipogenesis, osteogenesis, and undifferentiation of single
MSCs in mixed induction medium for 7 days. Small and large cells preferred to adipogenic
and osteogenic commitments, respectively. Adapted from [74] c) Percentage of human MSCs
undergoing adipogenesis and neurogenesis on fibronectin patterns on polyacrylamide hydrogels
(circular, oval, and star patterns). Smaller circular features promoted adipogenesis, while cells
in anisotropic features preferred neurogenic differentiation. *, **, and *** indicate p < 0.05,
0.005, and 0.0005 respectively. Adapted from [75]
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3.5 Conclusions

It has become clear that biomimetic approaches to modulate cell-material interactions
are essential to understand and further control cell behavior, which constitutes invaluable
knowledge for the use of stem cells for regenerative medicine purposes. In this context,
hydrogels have proven to be good candidates to mimic the in vivo extracellular matrix and
to provide a suitable environment for cell growth, whether they are made of synthetic or natural
polymers. Indeed, owing to their ability to absorb large amounts of fluids and allow nutrients
and growth factors circulation, as well as their capacity to encapsulate cells, hydrogels have
shown to maintain cell viability and promote cell growth. In addition, they can be tuned to
mimic the properties of the ECM known to affect stem cell behavior and fate, such as physical
properties including stiffness, viscoelasticity, pore size, and porosity. Spatial properties are
also considered including dimensionality (2D or 3D) of the scaffold, degradation, micro- and
nanoscale topography of the surface with varying size, shape, and level of disorder. Finally,
biochemical properties are also regarded through the presence of diverse proteins, growth
factors or peptides and their spatial distribution. However, experimental studies often focus
on some of these aspects, neglecting other important parameters, while the synergy between
different cues from ECM is still little studied but is essential to provide long-term robust
cell function. Furthermore, the variety of conditions used for cell culture might complicate
the interpretations and comparisons between studies using different cell types (MSCs from
bone marrow or adipose tissue, and from different animals) and different cell culture media
(growth medium or differentiation media, addition of various supplements and growth factors).
Although some clues and promising conditions have been identified to control stem cells fate,
the differentiation of a population of cells is still not homogeneous and often requires the
presence of differentiation culture medium. Nevertheless, the understanding of the influence
of these physical, spatial, and biochemical properties on cell fate will enable the development
of scaffolds with tailored properties adapted for specific regenerative medicine applications.
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RESEARCH PROJECT AND OBJECTIVES



Chapter 4

Research project and objectives

As highlighted in the litterature review, the use of MSCs for clinical applications, including
bone regeneration, is still hindered by the lack of control of their in vitro differentiation.
This control goes through fundamental studies in order to try to understand MSCs behavior
and response to many different features and stimuli. In addition, optimizing cell-material
interactions in order to guide cell behavior and obtain the desired cell response for bone
reconstruction constitutes an important step for the development of efficient materials for bone
replacement. This project therefore rather falls in a fundamental approach as the aim of the
project is to use hydrogels as two dimensional cell culture substrates to study the impact of the
mechanical properties and the surface functionalization on human bone marrow mesenchymal
stem cells osteogenic differentiation. Although this project does not directly aim at developing
an implantable material for bone regeneration, the outcomes of this research might be of
significant importance for the future development of efficient biomaterials that will interact
with the cells.

The 3BIO’s research team (Bordeaux) and the LIS laboratory (Québec) have expertise
in studying the impact of the surface properties of materials on MSCs behavior, including
the presence and distribution of various biomolecules[84, 85, 102, 103, 104], as well as
nanotopographies[105, 106, 107, 108, 109]. However, these studies were always conducted
on hard materials such as titanium, glass, silicon, and PET (polyethylene terephthalate),
that do not mimic the in vivo environment of cells. Therefore, transfering this expertise of
surface properties from hard materials to hydrogels that better mimic the natural cell growth
environment appeared as a promising approach to further control MSCs differentiation. Indeed,
this allows notably to work with materials that better match the mechanical properties of the
cells extracellular matrix, which might be favorable for their differentiation. As such, the project
is divided into four main objectives.
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FIGURE 4.1 – Scheme describing the main objectives of the PhD project.

4.1 Objective 1

The first objective consists in synthesizing hydrogels with different and controlled
mechanical properties, in terms of stiffness and viscoelastic properties, to further assess their
impact on MSCs osteogenic differentiation. Although many studies have reported the impact
of hydrogels stiffness on MSCs differentiation, it is now acknowledged that the mechanical
properties of hydrogels and living tissues are not limited to elasticity, but include viscoelastic
properties. Viscoelasticity is defined as the combination of both solid (elastic) behavior, as the
material stores energy and returns to its original state after the deformation, and liquid (viscous)-
like behavior, as the material dissipates energy.[277] As shown in the chapter 3, only few studies
investigated the impact of hydrogels viscoelastic properties on MSCs differentiation.

As presented in the chapter 2, many different polymers can be used for the synthesis
of hydrogels. Considering their ease of synthesis and their highly tunable mechanical
properties[35, 36], polyacrylamide based hydrogels have been chosen for this project (Figure
4.2). These properties made them very popular to study the impact of hydrogel stiffness
on cells behavior as highlighted in the chapter 3. However, polyacrylamide hydrogels being
considered mainly as elastic materials[68], acrylamide has been combined to acrylic acid to
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create copolymer hydrogels (Figure 4.2) with distinct viscoelastic properties. As shown in
chapter 3, providing hydrogels with controlled stiffness and viscoelastic behavior allows to
go further than the literature in the assessment of the impact of the mechanical properties on
MSCs differentiation by including the viscoelastic dimension.

FIGURE 4.2 – Synthesis and structure of poly(acrylamide-co-acrylic acid) hydrogels.
Acrylamide and acrylic acid are the monomers that form the polymer chains, while N,N-
methylenebisacrylamide is the crosslinker. The radicalar polymerization is initiated by APS
(ammonium persulfate) and catalyzed by TEMED (tetramethylethylenediamine). The pH of the
reaction mixture is adjusted to 8 for the initiator to be active. The gelation reaction is performed
under inert atmosphere (argon) during 2 hours.

4.2 Objective 2

Considering that polyacrylamide based hydrogels do not allow cell adhesion[36], the
second objective consists in functionalizing the surface of these hydrogels with proteins or
peptides to circumvent the lack of adhesion. In order to avoid any release of the biomolecule
during cell culture and to provide a lasting bioactivity to the material, covalent binding of
the biomolecule to the surface of the gel appeared as a consistent strategy. Polyacrylamide
hydrogels are traditionally functionalized by using the linker Sulfo-SANPAH[55, 56, 69], that
can be activated under UV light to react with the amide groups of the gel, and then subsequently
reacts with amine groups carried by the protein or the peptide (Figure 4.3). The protocol using
Sulfo-SANPAH has been chosen as it is well-established and described in the literature, and
reproducible.[55, 56, 69]
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FIGURE 4.3 – Reaction scheme of hydrogels surface functionalization using Sulfo-SANPAH.
The azide function of Sulfo-SANPAH is first activated under UV light to react with the amide
groups of the hydrogel. Then, the succinimide group of Sulfo-SANPAH is replaced by the
protein (or peptide) that reacts via an amine function.

As presented in the chapter 3, many different biomolecules can be used for hydrogels
functionalization and to trigger specific cellular responses. Being a part of the cells extracellular
matrix, various proteins can be immobilized on the hydrogels, such as collagen I, collagen
IV, fibronectin, laminin, osteocalcin, heparin, and others. Type I collagen being the principal
component of bone ECM, it is traditionally used for the functionalization of polyacrylamide
hydrogels to enable cell adhesion in studies assessing the impact of hydrogels mechanical
properties on MSCs differentiation.[52, 55, 56, 57, 58, 61, 63, 69, 231] However, the majority
of proteins are produced by recombinant methods using living organisms such as bacteria, or
are isolated from tissues. The extraction and purification of proteins is costly and the methods
used can result in batch-to-batch variation and differences in biological activity depending on
the method used. In addition, the presence of bacterial endotoxins or remnants of immunogenic
donor material can lead to safety issues if the proteins are introduced in the body. Full-length
proteins may have low solubility and high sensitivity to changes of pH, temperature, and
solvents, which can make them difficult to handle.[71] Synthetic peptides, that are short amino
acid sequences generally derived from ECM proteins[195], represent a good alternative to
proteins for the biofunctionalization of materials.[71] Peptides are readily available by synthetic
methodologies and can be produced in large quantities at low cost. In addition, they can be
produced with high purity and reproducibility, eliminating variability in biological results, and
their use does not present any infection or immunogenic risks. They are more stable to pH and
temperature changes, and they can be easily modified to introduce anchoring units to tune their
binding to the surfaces.[71] Many different peptides have been studied and applied on various
materials for their potential to enhance the adhesion, spreading, proliferation, and osteogenic
differentiation of MSCs or osteoprogenitor cells, and are summarized in Table 4.1.
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Peptide sequence
Firstly

Impact on cell behavior Reference
isolated from

Enhancement of adhesion and spreading
RGD Fibronectin of MSCs, osteoprogenitor cells, [278, 279]

and osteoblasts

PHSRN Fibronectin
Enhancement of adhesion and spreading

[279]
of MSCs and osteoprogenitor cells

FN-derived
Fibronectin

Enhancement of adhesion and spreading
[278, 280]

peptides of osteoblasts

KRSR
Bone Enhancement of adhesion and spreading

[278, 279]
sialoprotein of MSCs and osteoblasts

FHRRIKA
Bone Enhancement of adhesion and spreading

[278, 279]
sialoprotein of MSCs and osteoblasts

SVVYGLR Osteopontin
Enhancement of adhesion and

[278, 280]
proliferation of MSCs

GFOGER Collagen I
Enhancement of adhesion, spreading,

[278, 279]
and osteogenic differentiation of MSCs

DGEA Collagen I
Enhancement of adhesion, spreading,

[278, 280]
and osteogenic differentiation of MSCs

P15 Collagen I
Enhancement of adhesion, spreading,

[279, 280]
and osteogenic differentiation of MSCs

P24 BMP-2
Enhancement of adhesion and

[278, 279]
osteogenic differentiation of MSCs

Enhancement of proliferation and
OGP Blood serum osteogenic differentiation of [278, 280]

MSCs and osteoprogenitor cells

TABLE 4.1 – Examples of peptides used for the functionalization of various materials
for their potential to enhance the adhesion, spreading, proliferation, and osteogenic
differentiation of MSCs or osteoprogenitor cells. FN-derived peptides can be FNIII9-10/12-
14 or FNIII7-10 for example, P15 sequence = GTPGPQGIAGQRGVV, P24 sequence
= SKIPKASSVPTELSAISTLYLDDD, OGP (Osteogenic Growth Peptide) sequence =
ALKRQGRTLYGFGG.

Among these peptides, the RGD peptide, which corresponds to the minimal binding domain
of fibronectin to the integrin receptor, is the most abundantly utilized peptide to induce cell
adhesion in synthetic systems.[195] A great number of different RGD peptide sequences
have been used in the litterature considering that the nature of the residues surrounding the
RGD tripeptide could influence cell receptor affinity and selectivity, and that the distance of
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the presented RGD sequence from a surface can also modulate cell adhesion.[281, 282] In
addition, varying the structure of the peptide might facilitate the grafting of the peptide on the
materials using different chemical reactions.[282] The peptide sequence GRGDSP has been
identified as a bioactive sequence and has been widely used in the litterature.[282] Cyclic
RGD peptides would also present improved binding properties as compared to linear peptides
due to their structural rigidity. Indeed, the structural rigidity conferred by cyclization would
prevent the chemical degradation of the peptide and, consequently, increase the stability of
cyclic RGD peptides.[281, 283] However, RGD peptides alone do not increase the osteogenic
differentiation of MSCs. It has been demonstrated that associating several peptides on the
materials surface could provide synergistic effects. For example, the combination of RGD
and a mimetic peptide of the BMP-2 protein[84], or RGD and OGP[85] might enhance MSCs
osteogenic differentiation as compared to the single peptides.
In this project, a mimetic peptide of the BMP-2 protein (KRKIPKASSVPTELSAISMLYLC),
developed and pattented by the 3BIO’s team[83], has been used for functionalizing the surface
of the hydrogels. This peptide has been shown to induce human bone marrow MSCs osteoblast
differentiation when grafted onto different materials (glass, polyethylene terephthalate,
poly(acrylamide-co-acrylic acid) hydrogel).[83, 84, 85, 86, 268] Therefore, synthesizing
hydrogels that combine controlled mechanical properties, that mimic the mechanical properties
of the ECM, and this BMP-2 mimetic peptide, that favors MSCs osteogenic differentiation,
might provide a higher MSCs osteogenic commitment compared to what is done in the literature
by using collagen.

4.3 Intermediate Objective

This intermediate objective is about the choice of the method(s) used for the measurement
of hydrogels mechanical properties, including the stiffness and the viscoelastic properties, and
about the impact of hydrogels surface funtionalization on the mechanical properties.

Indeed, several methods are used in the literature to evaluate hydrogels stiffness, and
particularly hydrogels Young’s modulus, including compression, traction, rheology, and AFM
(Atomic Force Microscopy).[284] The compression test is a well-established method for
hydrogel elasticity measurement, in which hydrogel discs are compressed (either confined or
unconfined) with a controlled force while their deformation is measured.[284] This method
also enables to determine hydrogels viscoelastic properties through stress relaxation or creep
tests[285, 286], which can give information about hydrogels relaxation time for example.[68,
286] Traction tests are widely used for measuring the Young’s modulus of various materials,
including hydrogels. However, because hydrogel specimens are hydrated and usually soft, it is
not easy to grip them properly in the jaws of the machine for traction testing.[284] Rheology
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consists in casting a hydrogel specimen between the top and base plates of the rheometer,
and oscillating the top plate at desired frequency and shear strain. As the specimen is twisted
and undergoes shear deformation, it exerts resistant shear force on the oscillating plate that
is measured by the rheometer to calculate the shear modulus of the gel.[284] The storage
modulus and the loss modulus of the hydrogels can be obtained with rheology, and represent the
elastic and viscous behavior of hydrogels, respectively.[94] Indentation tests using AFM have
been widely used to measure the elastic modulus of various hydrogels. Typically, a hydrogel
specimen is indented in a liquid by a pyramidal or spherical tip of an AFM probe, with a
predetermined trigger force and probe speed.[284]

Considering that compression and AFM are the most widely used methods to measure
hydrogels stiffness in studies evaluating the impact of the stiffness on MSCs differentiation
(summarized in chapter 3 Table 3.1), these two methods have been chosen in this project
to characterize hydrogels mechanical properties. Indeed, it would be particularly interesting
to compare the results obtained with the two techniques, and to evaluate if studies using
compression and AFM could be compared.
Compression tests enable to measure hydrogels viscoelastic properties through stress relaxation
experiments, which is useful in this project to provide hydrogels with varying viscoelastic
behavior. In addition, AFM also enables to perform stress relaxation experiments on
hydrogels[97], although this kind of measurements is mainly performed on cells. Indeed, the
low number of papers about hydrogels stress relaxation measurements with AFM (only one to
our knowledge) might suggest that it is a complex topic, but also a new topic that deserves to
be investigated.
These two methods are similar as they are both based on compression, but they are also
complementary since compression is used to measure hydrogels bulk properties (hundreds of
µm to several mm), while AFM is used to measure hydrogels surface properties (hundreds of
nm). Using these two techniques would therefore allow to assess if hydrogels bulk mechanical
properties match their surface properties. AFM would also allow to evaluate the homogeneity
of the surface properties of the hydrogel samples. Finally, it would be particularly interesting
to evaluate hydrogels mechanical properties before and after the surface functionalization, by
using these two techniques, to determine whether the surface functionalization could modify
hydrogels mechanical properties, which might subsequently affect MSCs behavior.
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4.4 Objective 3

The last objective of this project consists in assessing the impact of hydrogels mechanical
properties, including stiffness and viscoelastic properties, on human bone marrow MSCs
osteogenic differentiation. This has been achieved with hydrogels functionalized with the
BMP-2 mimetic peptide. In addition, considering that polyacrylamide hydrogels are generally
functionalized with type I collagen to evaluate the impact of hydrogels stiffness on MSCs
differentiation, it might also be interesting to compare MSCs differentiation in response to
hydrogels mechanical properties depending on hydrogels biofunctionalization (BMP-2 mimetic
peptide versus type I collagen).
Finally, as mentioned in chapter 2, MSCs differentiation is influenced by the culture medium
used. In this project, all the experiments have been conducted with Osteogenic differentiation
culture medium in order to favor and accelerate MSCs osteogenic differentiation, and to be able
to obtain an osteogenic commitment over relatively shorter time periods (2 weeks) as compared
to classic growth medium (4 weeks or more).
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5.1 Résumé

Cette étude vise à mesurer la relaxation de contrainte d’hydrogels et d’évaluer son impact
sur la différenciation ostéogénique de cellules souches mésenchymateuses humaines (hMSCs).
Différents hydrogels ont été synthétisés en variant la quantité d’agent réticulant et le ratio entre
les deux monomères (acrylamide et acide acrylique). Les hydrogels contenant 18% d’acide
acrylique ont montré une relaxation moyenne de 70%, alors que les gels sans acide acrylique
ont montré une relaxation moyenne de 15%. Par la suite, des hMSCs ont été mises en culture sur
deux hydrogels, fonctionnalisés avec un peptide mimétique de la protéine BMP-2. Un marquage
du cytosquelette des cellules a montré que pour une rigidité constante à 55 kPa, un hydrogel
avec une faible relaxation (15%) mène à l’obtention de cellules de forme étoilée, qui est la
forme typique des ostéocytes, tandis qu’un hydrogel avec une relaxation élevée (70%) conduit
les cellules vers une forme polygonale caractéristique des ostéoblastes.

NB : The parts in transparency are not covered in this chapter.

103



5.2 Abstract

The aim of this study is to investigate polyacrylamide based hydrogels stress relaxation
and the subsequent impact on the osteogenic differentiation of human mesenchymal stem
cells (hMSCs). Different hydrogels were synthesized by varying the amount of crosslinker
and the ratio between the monomers (acrylamide and acrylic acid), and characterized by
compression tests. It has been found that hydrogels containing 18% of acrylic acid exhibit an
average relaxation of 70%, while pure polyacrylamide gels show an average relaxation of 15%.
Subsequently, hMSCs were cultured on two different hydrogels functionalized with a mimetic
peptide of the BMP-2 protein to enable cell adhesion and favor their osteogenic differentiation.
Phalloidin staining showed that for a constant stiffness of 55 kPa, a hydrogel with a low
relaxation (15%) leads to star-shape cells, which is typical of osteocytes, while a hydrogel
with a high relaxation (70%) presents cells with a polygonal shape characteristic of osteoblasts.
Immunofluorescence labelling of E11, strongly expressed in early osteocytes, also showed a
dramatically higher expression for cells cultured on the hydrogel with a low relaxation (15%).
These results clearly demonstrated that, by fine-tuning hydrogels stress relaxation, hMSCs
differentiation can be directed towards osteoblasts, and even osteocytes, which is particularly
rare in vitro.

Keywords : Poly(acrylamide-co-acrylic acid) - hydrogels stress relaxation - human
Mesenchymal Stem Cells - osteogenic differentiation - BMP-2 surface functionalization -
osteocytes
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Graphical Abstract

Poly(acrylamide-co-acrylic acid) hydrogels are synthesized with controlled stiffness,
ranging between 5 and 145 kPa. Hydrogels containing 0% or 18% of acrylic acid exhibit an
average relaxation of 15% and 70%, respectively. Hydrogels with the same stiffness (55 kPa),
and different stress relaxation (70% and 15%) induce mesenchymal stem cells differentiation
into osteoblasts and osteocytes, respectively.
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5.3 Introduction

Mesenchymal stem cells are multipotent adult stem cells that have gained high interest
in tissue engineering and clinics due to their self-renewal, their ease of access in various
tissues, such as adipose tissue, bone marrow, or dental pulp, and their capacity to differentiate
into mesoderm-type cells such as adipocytes, chondrocytes and osteoblasts.[101, 287, 288]
However, the clinical use of hMSCs is currently limited as it can be associated with
complications, such as tumor formation, due to their tendency to uncontrollably proliferate
and differentiate.[32] Consequently, tools to control hMSCs fate and allow their use in clinical
applications are still highly needed. In this context, hydrogels have been widely used to study
different cell behaviors and to identify parameters enabling to control the expansion and
differentiation of various cell types.
Hydrogels are three-dimensional networks formed by the crosslinking of hydrophilic polymers,
which provide them the ability to absorb large amount of water without dissolving.[196, 289]
The crosslinking can be covalent, when the polymer chains are linked together through chemical
bonds, and/or physical, when the crosslinking points are created by weaker interactions such as
hydrogen bonds or ionic interactions.[194] Chemically crosslinked hydrogels are often used
due to their good mechanical strength[194], their homogeneity at the microscale and the ease
to control their physical and chemical properties, such as matrix elasticity and porosity.[68] In
addition, hydrogels present a great potential for controlled drug release and tissue engineering
due to their water content which closely matches that of biological tissues.[196, 289] They
can also be used as bio-inks for the 3D printing of cell-laden hydrogel arrays, with various
shapes and sizes, which can enable the control of cell alignment and differentiation[290, 291],
as well as cell aggregation to create spheroids[292], or they can be transplanted to reconstruct
damaged tissues.[293, 294] Hydrogels being multi-phase materials composed of a solid phase
together with a liquid phase, their mechanical behavior cannot be simply determined by using
the conventional methods and equations established for solid polymers.[289] Consequently,
a detailed characterization of hydrogels mechanical properties is essential, especially in the
context of tissue engineering, as it has been shown that cells are sensitive to their mechanical
environment.
Several studies have focused on measuring and tuning hydrogel stiffness, which characterizes
their elasticity, by varying their formulation[206, 295, 296], by using different copolymers[297,
298] and interpenetrating networks[299, 300, 301], or by adding reinforcements.[302, 303, 304]
The possibility of controlling these mechanical properties opened the door to several studies on
the impact of hydrogel stiffness on cell behavior (adhesion, proliferation, cell differentiation)
for regenerative medicine purposes.[228, 296, 298, 299, 300, 305, 306, 307] In particular,
polyacrylamide hydrogels have been extensively investigated for such studies[40, 52, 55, 56,
308], as they offer the possibility to simply modulate hydrogel stiffness and adhesive ligand
presentation which lead to more complete understanding of cell responses to these stimuli.[35]
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For example, Engler and co-workers showed that human mesenchymal stem cells (hMSCs)
differentiation depends on hydrogel matrix stiffness, with neurogenic differentiation occurring
on soft gels mimicking brain mechanical behavior (0.1-1 kPa), myogenic differentiation
dominating on gels with mechanical properties close to that of muscle tissues (8-17 kPa), and
osteogenic differentiation being favored on stiffer matrices (25-40 kPa).[52] Similarly, Wen
et al. observed that human adipose stem cells adipogenic differentiation was higher on soft
polyacrylamide gels (4 kPa), while osteogenic differentiation was predominant on stiffer gels
(30 kPa).[56]
However, it is now acknowledged that hydrogels, as well as biological tissues, are intrinsically
viscoelastic.[68, 309] Viscoelasticity is defined as the combination of both solid (elastic)
behavior, as the material stores energy and returns to its original state after the deformation,
and liquid (viscous)-like behavior, as the material dissipates energy.[277] Consequently, several
studies investigated hydrogels behavior under mechanical solicitation by performing stress
relaxation experiments.[68, 310, 311, 312] During these experiments, a strain is applied to
the material and maintained constant, and the resulting stress is measured over time.[311, 312]
These measurements enable to define the degree of viscoelastic nature of a material and to assess
the time needed by the material to relax.[277] In hydrogels, elastic behavior is due to strong
covalent intramolecular bonds, and covalent intermolecular bonds for chemically crosslinked
hydrogels, while viscous behavior is due to rearrangements of polymer chains and reversible
crosslinks.[277, 313] In addition to viscoelasticity, another property, called poroelasticity, has
been identified in hydrogels and is related to the migration of water in the pores of the
gel.[277, 313] Viscoelasticity and poroelasticity generally coexist in hydrogels, which means
that they both contribute to these materials stress relaxation behavior.[285, 313, 314, 315]
Consequently, some studies have been conducted on measuring both viscoelasticity and
poroelasticity of hydrogels.[206, 315, 316] This might be of great interest, especially within
the scope of tissue engineering, as it has been demonstrated that hydrogel stress relaxation
can influence cell behavior in terms of cell adhesion and differentiation. For example, by
entrapping linear polyacrylamide into polyacrylamide hydrogels, Charrier et al.[94] obtained
three hydrogels with the same stiffness (5 kPa) but with varying viscous modulus. They
showed that fibroblasts cell area and hepatic stellate cells differentiation into myofibroblasts
were significantly lower with increasing the hydrogel viscous modulus.[94] Cameron and
coworkers[67] prepared polyacrylamide hydrogels with different ratios of acrylamide and bis-
acrylamide to obtain different viscous modulus with the same elastic modulus. In this case, they
observed an increased spreading area of human mesenchymal stem cells and a higher expression
of adipogenic and osteogenic differentiation markers as the viscous modulus increased.[67]
Finally, Chaudhuri and coworkers[68] developed alginate hydrogels with the same stiffness but
with varying relaxation time, and showed that mouse MSCs spreading was higher on gels with
a faster stress relaxation. In addition, they found a higher adipogenic differentiation of MSCs
for gels with a high relaxation time and a higher osteogenic differentiation for gels with a low
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relaxation time.[68] Hydrogel stiffness and viscoelastic properties would therefore play a key
role in regulating cell behavior, including MSCs differentiation.[277, 317, 318, 319] However,
the number of studies on the impact of the stress relaxation properties of hydrogels on MSCs
differentiation is still limited (15 research articles over the past five years from PubMed, key
words hydrogel stress relaxation mesenchymal stem cells differentiation). Consequently, it is of
particular interest to get a deeper understanding of hydrogels mechanical behavior and to supply
hydrogels with different controllable stress relaxation properties, to further assess the impact of
these properties on hMSCs differentiation, which constitutes the aim of this study.
The present work investigates polyacrylamide hydrogels stress relaxation, considering their
extensive use to study the impact of hydrogel stiffness on cells behavior. Polyacrylamide
hydrogels were therefore synthesized with constant monomer content and varying crosslinker
amount in order to control hydrogel stiffness. Moreover, as polyacrylamide gels are considered
mainly as elastic materials[68], we have designed copolymer hydrogels of acrylamide and
acrylic acid, with 5, 10 and 18 mol% of acrylic acid, to modulate hydrogels stress relaxation.
The idea is to combine high and tunable stiffness, brought by covalent crosslinks, and
increased viscoelasticity, by making a copolymer hydrogel. Subsequently, the compressive
stress relaxation properties of different hydrogel formulations have been measured by applying
five steps of 3% compression and recording the stress as a function of time between the steps.
The generalized Maxwell model was used to identify and isolate three phenomena contributing
to these hydrogels stress relaxation, which are the movement of free water in the pores of the
gel, viscoelasticity and poroelasticity. Finally, a preliminary study about human mesenchymal
stem cells (hMSCs) osteogenic differentiation in response to hydrogel stress relaxation was
conducted, and revealed that for a constant stiffness of 55 kPa, a hydrogel with a relaxation
of 15% promotes faster osteogenic differentiation as compared to a hydrogel with a relaxation
of 70%. hMSCs cultured on the hydrogel with a relaxation of 15% even differentiated into
osteocytes, the last stage of differentiation, which represents a major achievement for tissue
engineering and regenerative medicine.

5.4 Results and Discussion

5.4.1 Infrared spectroscopy

The absorption infrared spectra of polyacrylamide and poly(acrylamide-co-acrylic acid)
hydrogels containing 0.48% of crosslinker and 0 or 10 mol% of acrylic acid are shown in
Figure 5.1a. These spectra exhibit similar features with a broad band in the range of 3500 -
3000 cm−1 overlapped with more defined peaks near 3300 and 3200 cm−1 corresponding to
asymmetric and symmetric -NH2 stretching mode vibrations, respectively[78]. Furthermore, in
this region, the -NH stretching mode features are overlapping with the broad feature assigned

108



to stretching modes of hydrogen bonded hydroxyl groups from acrylic acid in the copolymer
hydrogel.[78, 79] Asymmetric and symmetric -CH2 stretching mode vibrations are observed
at 2940 and 2870 cm−1, respectively.[79, 80] This region also includes -CH stretching usually
found around 2890 cm−1. The strongest peak at 1660 cm−1 corresponds to the stretching of
the carbonyl (C=O) of acrylamide units[78, 79, 80], while the band at 1613 cm−1 is assigned
to the bending of -NH groups.[78] Finally, the addition of acrylic acid to the reactive mixture
leads to an increase of the 1560 cm−1 feature as compared to a pure polyacrylamide hydrogel
(Figure 5.1a). This is due to the stretching of the carbonyl group in carboxylate functionalities
(-COO−), as previously reported in the literature.[79, 80] In addition, increasing the amount of
acrylic acid leads to a rise of the 1560 cm−1 feature as shown by Figure 5.1.

FIGURE 5.1 – a) FTIR spectra of polyacrylamide and poly(acrylamide-co-acrylic acid)
hydrogels with the same amount of crosslinking agent and 0 or 10% acrylic acid. b) FTIR
spectra of hydrogels with the same amount of crosslinking agent and varying acrylic acid
content. The spectra were normalized according to the strongest peak at 1660 cm−1. The
addition of acrylic acid to the reactive mixture leads to the appearance of the 1560 cm−1 feature
as compared to a pure polyacrylamide gel. This feature rises when increasing the acrylic acid
content.
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5.4.2 Swelling behavior

Figure 5.2 shows the hydrogels fluid absorption capacity as a function of the amount of
crosslinker (Figure 5.2a) and acrylic acid (Figure 5.2b) (the statistical analysis is presented in
Supplementary Figure 5.14a). These hydrogels are capable of absorbing 6 to 20 times their own
dry weight which is consistent with the data reported in the literature.[79, 80] Hydrogels are
polymer networks exhibiting the ability to contain a large fraction of aqueous solvent within
their structure.[320, 321] This characteristic made them popular for various applications such
as the design of superabsorbent materials, drug delivery systems, cell encapsulation and tissue
repair[321] to name only a few. Hydrogel swelling mainly depends on the polymer composition
because the constituents are responsible for interactions with the fluid, the degree of crosslinking
and the porosity which influences the diffusion rate of fluid inside the material.[81] These
general rules apply to poly(acrylamide-co-acrylic acid) hydrogels since the swelling decreases
as the amount of crosslinker is higher, while it increases with the quantity of acrylic acid.
The increase of the amount of crosslinker leads to a higher degree of crosslinking, and to a
denser and less flexible hydrogel, therefore limiting the penetration of solvent and reducing
the swelling.[80, 81] While introducing acrylic acid into the hydrogel generates negative
charges which increase the swelling as a result of electrostatic repulsion between polymer
chains.[81, 82]

FIGURE 5.2 – Fluid absorption capacity of polyacrylamide and poly(acrylamide-co-acrylic
acid) hydrogels. a) As a function of crosslinker content. b) As a function of acrylic acid content.
The fluid absorption capacity decreases for higher amounts of crosslinker and increases with
the amount of acrylic acid. (n=3)
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With a pKa value close to 5, poly(acrylic acid) is likely to release protons and extend
polymer chains under alkaline pH values.[82, 322] Therefore, these hydrogels are known to be
pH-sensitive[79, 82, 322] which makes them good candidates for biomedical applications, like
drug delivery, or applications requiring water permeation control for example.[82] As shown
by Figure 5.3, the fluid absorption capacity of a pure polyacrylamide hydrogel does not change
for pH values ranging from 3 to 10, while it decreases at pH 3 for hydrogels containing acrylic
acid. This decrease is more pronounced for the hydrogels containing the highest acrylic acid
content, confirming that the absence of negative charges of acrylic acid at low pH dramatically
reduces poly(acrylamide-co-acrylic acid) hydrogels swelling.

FIGURE 5.3 – Fluid absorption capacity of polyacrylamide and poly(acrylamide-co-acrylic
acid) hydrogels with the same amount of crosslinking agent and varying content of acrylic acid
in PBS with different pH values. The fluid absorption capacity decreases at pH 3 for hydrogels
containing acrylic acid, while it is stable for pure polyacrylamide hydrogels for all the tested
pH values. (n=3)

5.4.3 Hydrogels stiffness

The modulus has been evaluated for each of the sixteen hydrogel formulations as shown in
Figure 5.4 (the statistical analysis is presented in Supplementary Figure 5.14b). As expected,
the modulus increases with the amount of crosslinker, going from 5 ± 1 kPa to 145 ± 3
kPa for pure polyacrylamide hydrogels (Figure 5.4a). Moreover, there is a linear relationship
between hydrogel stiffness and crosslinker content (Supplementary Figure 5.13). This tendency
is observed for any content of acrylic acid. This behavior has already been observed by
Rowlands et al.[69] The addition of acrylic acid in the gel causes a decrease in the modulus,
which is more pronounced for a high amount of crosslinker, e.g. 0.36 and 0.48% (Figure 5.4b).
Several studies have investigated the impact of crosslinker content in polyacrylamide hydrogels
on their mechanical properties and more particularly their stiffness, and it has been shown that
increasing the amount of crosslinker leads to a rise of the stiffness[69, 206], as this is the case
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for the hydrogels in this study. Increasing the amount of crosslinker results in a higher number
of crosslinking points, therefore leading to a denser network which is accompanied by a higher
stiffness and a lower swelling capacity. Then, as acrylic acid is added, the content of ionic
charges is increased, as well as the electrostatic repulsion between the polymer chains.[322]
This leads to a less dense network allowing the swelling to rise while decreasing the stiffness.

FIGURE 5.4 – Equilibrium modulus measured for the different hydrogel formulations as a
function of the crosslinker content. The equilibrium modulus increases with the amount of
crosslinker and decreases for higher amounts of acrylic acid. (n=3)

5.4.4 Hydrogels stress relaxation

The relaxation was first modelled with one or two Maxwell elements leading to a correlation
coefficient over 0.9. However, the whole experimental curve needed to be fitted using three
Maxwell elements, especially between 0 and 50 s, as the rapid decrease of the stress during
the first 30 s impedes fitting with a lower number of Maxwell elements (Supplementary
Figure 5.15). These results are consistent with the findings of Xin et al. who found that one
relaxation time was not suitable to fit their data as they observed a rapid decrease of the stress
over 25 s followed by a slower relaxation over 530 s for hybrid ionic-covalent hydrogels of
polyacrylamide and alginate.[323] However, their model does not represent the relaxation found
at long timescales in chemically crosslinked hydrogels.[312]
The relaxation of the hydrogels described in this study is therefore characterized by three time
constants and is the result of the contribution of three different physical phenomena, each
of them being the source of rearrangements in the gel leading to a decrease of the stress
over time. For modelling the stress relaxation experiments, it was necessary to set limits
for the relaxation times as they must happen in a chronological order, they cannot overlap

112



with each other, and they cannot go further than the time of the experiment, i.e. 6480 s.
The first relaxation time was set between 0 and 30 s to represent the rapid initial drop of
the stress. It is postulated that it is related to short range reorganization of free water in
the gel.[324] The second relaxation phenomenon occurs over hundreds of seconds and is
caused by the reorganization of polymer chains following the mechanical solicitation, which
corresponds to hydrogel viscoelasticity.[325] The third relaxation phenomenon is measured at
longer timescales and was previously found to result from water migration through the pores of
the gel and is called poroelasticity.[312, 325]
Modeling of the experimental data showed that the extent of stress relaxation differs depending
on the hydrogel composition. As shown in Figure 5.5, a hydrogel with 0.48% of crosslinker and
18% of acrylic acid relaxes more than a pure polyacrylamide hydrogel with the same amount of
crosslinker. Of note, the compression steps are consecutive and therefore have to be considered
separately. The relaxation extent appears to be lower at higher compression (Figure 5.5,
Supplementary Figure 5.16), which might be due to the fact that plastic deformations occur
at each compression step, with water leaving the gel, giving less possibilities to reorganization,
therefore reducing the relaxation extent when increasing the compression.

FIGURE 5.5 – Normalized stress relaxation of two hydrogels with 0.48% of crosslinker and
0 or 18% of acrylic acid as a function of time (6480 s) at different compression stages. The
relaxation extent is higher for a gel with 18% acrylic acid compared to a pure polyacrylamide
gel.
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To further assess the impact of the mechanical properties of these hydrogels on cell behavior,
the study of low compression (such as 6%), is more relevant as cells typically exert strains
ranging between 3 and 5% in 2D culture on polyacrylamide hydrogels.[65]
The total relaxation is given by the percent of the maximum stress that is lost during the
relaxation. It can be seen in Figure 5.6 that pure polyacrylamide hydrogels exhibit a low
relaxation, which is expected as these gels are chemically crosslinked[68, 95] (the statistical
analysis is presented in Supplementary Figure 5.18). The relaxation increases with the addition
of acrylic acid to the hydrogel at constant crosslinker amount. In particular, the relaxation
increases dramatically, up to 90%, with 18% of acrylic acid as compared to the other
formulations. Pure polyacrylamide hydrogels show an average relaxation of 15%, which is
consistent with the observations of Charrier et al.[94], while hydrogels with 18% of acrylic acid
exhibit an average relaxation of 70%. This can be explained by the presence of negative charges
brought by acrylic acid which extend the swelling by increasing the space between polymer
chains and therefore facilitate polymer chain rearrangements and fluid migration in the gel.
In addition, the relaxation does not change significantly when varying the crosslinker content.
Finally, no significant difference has been found between the three relaxation times depending
on the hydrogel formulation (data not shown). The relaxation times were found to be in the order
of minutes (500 s) for viscoelasticity and in the order of hundreds of minutes for poroelasticity,
which is consistent with the observations of Gentile et al. for alginate hydrogels.[326]

FIGURE 5.6 – Total stress relaxation for the different hydrogel formulations as a function of
the crosslinker content at 6% compression. The relaxation increases with the amount of acrylic
acid. (n=3)
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To further confirm that the higher relaxation of hydrogels containing acrylic acid is
effectively related to the negative charges brought by acrylic acid, the relaxation of a
pure polyacrylamide hydrogel (Figure 5.7a) and a hydrogel containing 18% of acrylic acid
(Figure 5.7b) were measured at different pH values. It has been found that the relaxation of the
pure polyacrylamide hydrogel is not affected by the pH, whereas the relaxation of the copolymer
hydrogel decreases dramatically at pH 3, reaching a similar level to that of the polyacrylamide
gel. The relaxation of the copolymer hydrogel slightly decreases at pH 10 as compared to pH 7,
although the difference is very small and often not significant. This is consistent with the finding
that the fluid absorption capacity of copolymer hydrogels does not change between pH 7 and
10. The relaxation of poly(acrylamide-co-acrylic acid) hydrogels is therefore highly related to
their swelling and therefore to the presence or the absence of the negative charges of acrylic
acid. These results show that the presence of acrylic acid in the hydrogels increases their stress
relaxation degree, as compared to pure polyacrylamide hydrogels, particularly at physiological
pH (7.2-7.4). Associating acrylic acid to acrylamide to create copolymer hydrogels is therefore
particularly interesting to provide hydrogels with different and controlled viscoelastic responses
at physiological pH, to further study their impact on cell behavior.

FIGURE 5.7 – Stress relaxation of hydrogels with a) 0% of acrylic acid and b) 18% of acrylic
acid for different pH values at different compression. The relaxation is not affected by the pH
for a pure polyacrylamide hydrogel, while the relaxation dramatically decreases at pH 3 for a
hydrogel containing 18% of acrylic acid. (n=3)
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Although three phenomena have been identified as contributing to these hydrogels stress
relaxation behavior, viscoelasticity and poroelasticity cannot be completely separated as these
two mechanisms arise concomitantly. As shown by Gentile et al., they both start at the
beginning of the stress relaxation process, and, while the viscoelasticity stops after a few
minutes, poroelasticity continues to be observed over longer periods of time.[326] However,
this study allows a deeper understanding of polyacrylamide-based hydrogels mechanical
behavior by identifying the mechanisms responsible for their stress relaxation behavior and
by quantifying the extent of stress relaxation, which might influence cell behavior in terms of
adhesion, spreading, and differentiation. In addition, these mechanical characterizations and
stress relaxation modelling, enable to measure the timescale of stress relaxation in general
and the timescale of viscoelasticity and poroelasticity, whereas this cannot be determined with
rheology experiments, for example.

Finally, although the presence of acrylic acid, and therefore the presence of negative charges
on the polymer chains, has been identified as a critical element impacting these hydrogels stress
relaxation, it is likely that varying hydrogels formulation will also influence their porosity.
Figure 5.8 shows Scanning Electron Microscopy images of four hydrogels with varying contents
of crosslinker and acrylic acid, as well as a frequency distribution of the pore area in these
hydrogels. Although the pore area is heterogeneous in the different hydrogels, it can be seen
that the pore size decreases when increasing the crosslinker content, as already shown in the
literature.[55] In addition, for the same crosslinker content, adding acrylic acid to the gel leads
to a greater pore size. These results are consistent with the swelling behavior of the gels, as
a higher crosslinker content results in a lower pore size and a decrease in swelling, whereas
a higher acrylic acid content is related to a greater pore size and an increase in swelling. The
porosity of these hydrogels has been evaluated to 40 ± 3% and 44 ± 8% for the hydrogels
with 0.03% and 0.24% crosslinker, respectively, while a higher porosity of 60 ± 6% and 63 ±
2% has been found for the two hydrogels with 0.36% crosslinker, without or with acrylic acid,
respectively. In addition, hydrogels without acrylic acid present a round or oval pore structure
with polymer walls distinctly separating the pores, while the hydrogel with 18% acrylic acid
present pores with more random shapes that seem less distinctly separated, which might suggest
a higher degree of pore interconnection as compared to the hydrogels without acrylic acid. This
observation might also explain the higher relaxation of the gel containing acrylic acid, as a
higher degree of pore interconnection could facilitate water flowing through the pores during
the stress relaxation experiment. However, the pore size and porosity of these hydrogels are not
sufficient to fully explain their stress relaxation behavior, as the two hydrogels with 0% acrylic
acid and 0.24% or 0.36% crosslinker present the same relaxation degree despite a different pore
size and degree of porosity.
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FIGURE 5.8 – Left : SEM images of hydrogels with different amount of crosslinker and acrylic
acid. For the hydrogel with 0.03% crosslinker and 0% acrylic acid, scale bar = 20 µm, for the
three other hydrogels, scale bar = 4 µm. Right : frequency distribution of the pore area for
hydrogels with different amount of crosslinker and acrylic acid. The pore size decreases when
increasing the crosslinker content and increases with the acrylic acid content.

5.4.5 Preliminary cell culture experiment

As a preliminary study, two hydrogels have been selected to assess the impact of the
relaxation on human bone marrow MSCs osteogenic differentiation. A fixed stiffness of 55
kPa has been selected as this value lies within the range of stiffnesses that have been found to
promote osteogenic commitment.[52, 55, 57, 63, 69, 232, 233] A pure polyacrylamide hydrogel
with a low relaxation (15%) has been chosen, as polyacrylamide hydrogels are widely used in
the literature to study the impact of stiffness on hMSCs differentiation, and has been compared
to a hydrogel with 18% of acrylic acid exhibiting a high relaxation (70%). As polyacrylamide
based materials do not support cell adhesion[52, 55], these hydrogels have been functionalized
with a mimetic peptide of the Bone Morphogenetic Protein-2 (BMP-2), which corresponds to
residues 73-92 of BMP-2 and has been shown to induce hMSCs osteoblast differentiation when
grafted onto different materials (glass, polyethylene terephthalate, poly(acrylamide-co-acrylic
acid) hydrogel).[83, 84, 85, 86, 268] Hydrogels functionalization has been assessed by using
fluorescently labelled BMP-2 peptide and by following previously described protocols.[84, 85,
86, 268] It has been found that the fluorescence intensity on the surface of the two hydrogels
with low and high relaxation is similar (data not shown), indicating that there is no difference
in peptide density between the two hydrogels.
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First, the morphology of the cells was considered after 2 weeks of culture in osteogenic
culture medium by visualizing cell cytoskeleton with phalloidin. As shown in Figure 5.9,
hydrogels stress relaxation has an impact on cell adhesion as a lower amount of cells can be
observed on the gel with 15% relaxation (Figure 5.9c), while the hydrogel with 70% relaxation
shows a higher number of cells (Figure 5.9b), comparable to hMSCs on glass (Figure 5.9a). This
result has also been observed for 24 hours of cell culture (data not shown), which confirms that,
for a constant stiffness and cell seeding density, a low relaxation restricts cell adhesion. These
preliminary results also highlight that cells on the hydrogel with high relaxation (Figure 5.9b)
are large, highly spread, and exhibit a cuboidal morphology typical of osteoblast[23, 98, 99],
while cells on the hydrogel with low relaxation (Figure 5.9c) present a smaller cell body and a
dendritic morphology characteristic of osteocytes.[5, 6, 98, 327] Immunofluorescence labelling
of E11/podoplanin, strongly expressed in early osteocytes[5, 6, 328], is shown in Figure 5.9d-o
for cells cultured for two weeks in Osteogenic Differentiation Medium on glass (control d-f)
and on the hydrogels with high and low relaxation (j-l and m-o respectively), as well as for
osteoblasts cultured for 24h on glass (control g-i). Quantification of E11 marker (Figure 5.9p)
shows a dramatically higher expression on the hydrogel with low relaxation, as compared to
controls and to hydrogel with high relaxation. E11 is strongly upregulated in osteocytes, but
it can also be found in lesser amount in osteoblasts[328, 329], and especially in embedding
osteoblasts[5, 330], e.g. osteoblasts that become embedded within the extracellular matrix they
produce before undergoing their transition to osteocytes. This can explain the expression of
E11 on the hydrogel with 70% relaxation, which is higher than hMSCs on glass, but lower than
osteoblasts on glass. The higher expression of E11 on the hydrogels relative to the hMSCs
on glass, and the dramatic increase on the hydrogel with low relaxation suggest that the
BMP-2 mimetic peptide acts together with the mechanical properties of the hydrogel to direct
hMSCs osteogenic differentiation, and that the Osteogenic Differentiation Medium alone is
not sufficient to induce a differentiation towards osteocytes. Furthermore, these observations
highlight that hydrogels stress relaxation has a significant impact on cell behavior and must be
considered. These findings are extremely promising considering that collagen, traditionally used
on polyacrylamide hydrogels in the literature[52, 55, 56], has not been found to promote the
dendritic morphology observed in this study. In addition, the differentiation towards osteocytes
is scarcely described[331] and it is still not clear to what extent the differentiation into
osteocytes can be modulated by biomaterials.[155] Therefore, this study paves the way for the
understanding of hMSCs interaction with biomaterials which will further lead to the control of
their osteogenic differentiation, even reaching the last stage of differentiation. Although, at this
stage, it is not clear whether the differentiation into osteocytes observed on Figure 8c is due to
the fact that a low relaxation enhances the osteogenic differentiation, or that a low relaxation
limits cell adhesion which favors the differentiation, as intercellular separation has been found
to promote the transition from pre-osteoblasts to osteocytes.[332]
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FIGURE 5.9 – Cytoskeleton and cell morphology. Phalloidin staining of the cytoskeletal fibers
of human bone marrow MSCs cultured for two weeks on a) a glass slide (control), b) a
poly(acrylamide-co-acrylic acid) hydrogel with a stiffness of 55 kPa and a high relaxation of
70%, and c) a pure polyacrylamide hydrogel with a stiffness of 55 kPa and a low relaxation of
15%. Both hydrogels were functionalized with a mimetic peptide of the protein BMP-2. The
hydrogel with low relaxation promotes faster osteogenic differentiation as the cells present a
star-like shape typical of osteocytes, while they exhibit the polygonal shape of osteoblasts on
the hydrogel with high relaxation and on the control. Magnification 10x, scale bar = 100 µm.
Osteogenic commitment of (d, e, f) hMSCs and (g, h, i) osteoblasts cultured on a glass slide
(controls), of (j, k, l) hMSCs cultured on a poly(acrylamide-co-acrylic acid) hydrogel with
a stiffness of 55 kPa and a high relaxation of 70%, and of (m, n, o) hMSCs cultured on a
pure polyacrylamide hydrogel with a stiffness of 55 kPa and a low relaxation of 15%. Cells
were stained for E11/podoplanin (d, g, j, m) in red, for F-actin in green (e, h, k, n) and cell
nucleus in blue (f, i, l, o). Magnification 40x, scale bar = 20 µm. (p) Quantitative analysis of
the total cellular E11 immunofluorescence intensity in hMSCs and osteoblasts cultured on glass
(controls), and in hMSCs cultured on the two different hydrogels. (n=2) The expression of E11,
an early osteocyte marker, is dramatically higher for cells on the hydrogel with low relaxation.
(*** P < 0.001)
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Finally, as E11 has been found to play a role in dendrite formation in osteocytes[147, 154],
the association of the dendritic morphology of the cells together with a higher expression
of E11 on the hydrogel with low stress relaxation constitutes a solid evidence of a more
advanced osteogenic differentiation on this material, and even of osteocytic differentiation.
However, in order to confirm that the cells were engaged towards the osteogenic commitment,
the expression of osteopontin has been assessed for the same conditions (Supplementary Figure
5.17). Osteopontin is expressed at a similar level for the cells on the two hydrogels (with high
and low relaxation), which is consistent with the fact that both osteoblasts and osteocytes
express osteopontin at high level.[329, 333] Finally, the expression of osteopontin is higher
for the cells on the two hydrogels as compared to osteoblasts or MSCs on glass in osteogenic
differentiation medium, showing an osteogenic commitment of the cells.

The use of osteocytes is limited as isolating osteocytes from bone is still challenging, leading
to very low yields and high cell heterogeneity.[5, 155, 156] Furthermore, although different
cell lines have been developed for the study of osteocytes, they also have limitations such as
absence of SOST/sclerostin expression, normally found in late osteocytes, and absence of a
mineralized matrix.[155, 156] Osteocytes can also be obtained from the differentiation of pre-
osteoblastic cells, however this requires several steps and takes between 3 and 6 weeks.[98] To
the best of our knowledge, this study represents the first in vitro differentiation of hMSCs into
osteocytes, which therefore constitutes a major step forward for the study of hMSCs osteogenic
differentiation and osteocyte function, and for bone reconstruction.
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5.5 Conclusions

To date, many studies have focused on investigating the impact of hydrogel stiffness on
hMSCs differentiation. However, it is now acknowledged that both hydrogels and biological
tissues are intrinsically viscoelastic. In this context, some studies have been conducted on
tuning hydrogels viscoelasticity and evaluating the effect on stem cell differentiation, but these
studies are still not numerous and led to contradictory results. By studying polyacrylamide
hydrogels stress relaxation, it has been shown that these gels are mainly elastic materials, due to
covalent crosslinks. It was also demonstrated that adding acrylic acid during the gel formation
led to a copolymer hydrogel with increased swelling and relaxation explained by the negative
charges of carboxylate functions creating electrostatic repulsion between the polymer chains. In
addition, viscoelasticity and poroelasticity both contribute to these hydrogels stress relaxation,
on timescales of minutes and hundreds of minutes, respectively, with a larger contribution of
the poroelasticity mechanism. Finally, tuning the crosslinker content and the ratio between the
two monomers leads to hydrogels with defined mechanical properties, in terms of stiffness and
relaxation, which is of great interest to further investigate the impact of hydrogels mechanical
properties on cell adhesion, spreading and differentiation. For instance, it has been shown that
a hydrogel exhibiting a low relaxation of 15% promotes faster osteogenic differentiation of
hMSCs, as compared to a hydrogel with a high relaxation of 70%. hMSCs on low relaxing
gel even differentiated into osteocytes and therefore reached the final stage of differentiation,
which is unprecedented in vitro. Future works will aim at functionalizing these materials with
different bioactive molecules, such as proteins and peptides, and providing a deeper assessment
of the impact of both hydrogel functionalization and mechanical properties, including stiffness
and viscoelastic behavior, on mesenchymal stem cells differentiation. This will provide a
multiparametric study which will significantly improve our knowledge of cell interaction with
biomaterials which is still lacking today.
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5.6 Materials & Methods

5.6.1 Materials

N,N-methylenebisacrylamide, acrylic acid, ammonium persulfate (APS), sodium phosphate
dibasic and sodium phosphate monobasic, Phosphate Buffered Saline (PBS) buffer,
sulfo-SANPAH (sulfosuccinimidyl 6-(4’-azido-2’-nitrophenylamino)hexanoate), HEPES (4-
(2-hydroxyethyl)-1-piperazineethanesulfonic acid), paraformaldehyde, Triton X-100, Tween
20, Bovine Serum Albumine (BSA), and FluoroshieldTM with Dapi were obtained from
Sigma-Aldrich (Canada). Acrylamide (40% in water) was purchased from VWR Alfa
Aesar (Canada). KRKIPKASSVPTELSAISMLYLC peptide, which is a BMP-2 mimetic
peptide previously identified by our group, and KRKIPKASSVPTELSAISMLYLCK-
TAMRA peptide were synthesized by GeneCust (France). Bone marrow hMSCs,
MSCs growth medium 2 (MSC-GM2), MSC Osteogenic Differentiation medium, human
osteoblasts, and Osteoblast Growth Medium were purchased from Promocell (Germany).
Tetramethylethylenediamine (TEMED), Alpha Modified Eagle Medium (α-MEM), sterile PBS,
trypsin/EDTA (Ethylenediaminetetraacetic acid), penicillin/streptomycin, Fetal Bovine Serum
(FBS) were obtained from Thermo Fisher Scientific (Canada). Alexa FluorTM 488 phalloidin
and Alexa FluorTM 647 goat anti-mouse IgG (H+L) were bought from Invitrogen (France).
Mouse monoclonal anti podoplanin antibody was purchased from Abcam (UK).

5.6.2 Methods

Preparation of hydrogels

The gel precursor solutions were prepared by mixing appropriate amounts of N,N-
methylene-bis-acrylamide, acrylamide, and acrylic acid in a buffered solution at pH 8
(Supplementary Table 5.1). Hydrogels with sixteen different compositions were synthesized
by varying the amount of crosslinker and acrylic acid, for a total volume of solution of 25 mL.
The pH of the solutions containing acrylic acid had to be adjusted to 8 by adding 1 to 5 mL of a
sodium hydroxide solution (2 mol.L−1). This, in turn, led to a slight increase of the volume of the
reactive medium that was compensated by adding buffer solution to reach a final volume of 31
mL to keep the methylene-bis-acrylamide concentration constant from a hydrogel formulation
to the other.
Two parameters are generally defined as references to compare hydrogel formulations. These
two parameters are the total polymer content (T) and crosslinker concentration (C), which are
calculated as follows[206] :

T (w/v%) =
acrylamide(g) + bis.acrylamide(g) + acide.acrylique(g)

volume.total.de.la.solution(ml)
× 100
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C(w%) =
bis.acrylamide(g)

acrylamide(g) + bis.acrylamide(g) + acide.acrylique(g)
× 100

In this study, the total polymer content was kept constant to 16.2%, while the crosslinker
concentration was varied to 0.03, 0.24, 0.36 and 0.48%.
After the solutions were prepared, they were outgassed by argon bubbling for 10 minutes. Then
12.5 µL of TEMED (tetramethylethylenediamine) and 125 µL of APS (ammonium persulfate,
10 w/v% in ultrapure water) were added simultaneously to the reaction mixture. The solutions
were then quickly poured into a round petri dish of 10 cm diameter and maintained under a flow
of argon into a sealed container for 2 hours, to avoid the presence of oxygen which acts as an
inhibitor of the radical polymerization. Hydrogels were then put in PBS (Phosphate Buffered
Saline) at room temperature and allowed to swell at equilibrium for at least 4 days before cutting
disks of 10 mm diameter using a metallic punch.

FTIR (Fourier Transform Infrared Spectroscopy)

Hydrogel disks were frozen in liquid nitrogen before being freeze-dried for 24 h. The Fourier
Transform Infrared (FTIR) spectra of dried samples were recorded on a Cary 660 (Agilent
Technologies, USA) FTIR spectrometer in the ATR mode (Attenuated Total Reflectance) using
a SplitPea attachment (Harrick Scientific) in the 500 cm-1 to 4000 cm-1 spectral range. FTIR
spectra were recorded at a resolution of 4 cm-1 by co-adding 64 scans. All measurements were
made at room temperature.

Swelling

Hydrogel disks of 10 mm diameter were weighed and put in 3 mL of PBS (pH 7.4). They
were then weighed every day, for seven days, to assess the time needed to reach swelling
equilibrium. Their weight was shown to be stable after 3 days. After seven days of swelling,
samples were frozen at -20 ◦C overnight before being freeze-dried for 24 h. Dry samples were
then weighed to obtain the initial mass of the sample. The fluid absorption capacity (FAC) was
calculated using the following equation :

FAC(gPBS/gpolymer) =
(m1−m0)

m1

Where m1 is the weight of the sample with absorbed fluid (after seven days), and m0 is the
weight of the dry sample. Measurements were performed in triplicate.
A similar procedure was used to measure the fluid absorption capacity of the hydrogels as a
function of pH. The hydrogels were incubated for three weeks in PBS buffer with pH adjusted to
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3 or 10, with weighing the hydrogels and changing the buffer every four days until the swelling
equilibrium was reached. Samples were then frozen at -20 ◦C overnight before being freeze-
dried for 24 h. Dry samples were then weighed to obtain the initial mass of the sample and to
calculate the fluid absorption capacity. Measurements were performed in triplicate.

Mechanical testing

The modulus and stress relaxation properties of polyacrylamide and poly(acrylamide-co-
acrylic acid) gels were measured from unconfined compression tests of the gel disks (10 mm
in diameter, 2 mm thick, equilibrated in PBS pH 7.4 for 4 days) using a Mach-1 V500CS
(Biomomentum, Canada) apparatus equipped with a 1.5 N single-axis load cell. Gel disks were
compressed between two flat platens, with a flat indenter of 3 cm diameter, and were free to
expand in the radial direction. Tests were performed at room temperature in a PBS bath to avoid
the drying of the samples. The gel disks were compressed to 5 consecutive steps of 3% strain
with a deformation rate of 1 mm.min−1. The strain was held constant between two steps, while
the load was recorded as a function of time for 1 hour and 50 minutes. Of note, the samples were
left to swell in PBS for four days at pH 7.4, and three weeks at pH 3 and 10, before performing
the mechanical tests to make sure that the swelling equilibrium was achieved and to avoid a
change in swelling during the test. Measurements were performed in triplicate.

Stress relaxation curves analysis

Different models have been developed to describe the viscoelastic behavior of materials.
These models are composed of springs and dashpots combined in many different ways[334].
Springs represent ideal solids and account for the elastic behavior of materials[334, 335], while
dashpots correspond to ideal fluids and are responsible for the dissipation of the stress during
stress relaxation experiments.[334, 335, 336, 337]
One standard approach used to describe a viscoelastic behavior involves using the Maxwell
model (Supplementary Figure 5.10), which consists in one spring associated in series with a
dashpot. This model can be used to describe the behavior of a viscoelastic material submitted
to a stress relaxation experiment.[334, 335, 336, 337, 338] During the relaxation, the stress
decreases exponentially with time. The stress as a function of time during relaxation is therefore
given by the following equation :

σ(t) = σ0.exp(
−t
τ
)

Where σ 0 is the maximal stress and τ the relaxation time.
However, the existence of a single relaxation time in the Maxwell model is considered a
limitation in depicting viscoelastic materials which generally have more than one relaxation
mechanism.[338] Consequently, more complex models are constructed, as the generalized
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Maxwell model (Supplementary Figure 5.11), which consists in combining several Maxwell
units in parallel, where each unit has different parameter values and accordingly, a different
relaxation time. In general, the more elements are used, the more accurate the model will
be in describing the response of materials.[336] However, the more complex the model, the
more parameters need to be determined. Consequently, the selected model is usually the model
comprising the minimum number of elements required to fit the experimental data. Finally,
for some materials, the stress does not decrease to zero during the relaxation but reaches an
equilibrium stress (Supplementary Figure 5.11). It is therefore necessary to add an isolated
spring in parallel with the Maxwell elements which represents the final stress.[339]
In this study, a standard linear solid model with three Maxwell elements was used to analyze
the relaxation curves and is described by the following equation :

σ(t) = a.exp(
−t
τ1

) + b.exp(
−t
τ2

) + c.exp(
−t
τ3

) + d

Where τ1, τ2 and τ3 are the three relaxation times of the three Maxwell elements and d is the
equilibrium stress in the isolated spring in accordance with Supplementary Figure 5.10. The 7
parameters a, b, c, d and τ1, τ2 and τ3 were computed using Matlab R© (version R2017b).
Limits for the coefficients a, b, c and d were fixed between 0 and +∞, and between 0 and 30
s for τ1, 30 and 2000 s for τ2, and 2000 and 6480 s for τ3. Correlation coefficients greater
than 0.97 were obtained for all relaxation tests. The first relaxation time was set between
0 and 30 s to represent the rapid initial drop of the stress observed on the experimental
curves. The second relaxation time was limited to hundreds of seconds which corresponds
to hydrogel viscoelasticity.[325] The third relaxation time was set to thousands of seconds to
represent the relaxation at long timescales, which has been observed for covalently crosslinked
hydrogels.[312] In this study, the stiffness of the hydrogels, or their equilibrium modulus, is
obtained by calculating the residual force at the end of the relaxation for each of the five
compression steps, and by measuring the slope of the line connecting these five points. Then,
the relaxation degree (%) of the different hydrogel formulations is calculated as the proportion
of the maximum stress that is lost during the stress relaxation (Supplementary Figure 5.12).

Scanning Electron Microscopy

Hydrogel porosity was assessed with a FEI Quanta 250 microscope (FEI Company Inc.
Thermo-Fisher Scientific, OR), operated with an acceleration voltage of 15 kV. Prior to
analyses, the hydrogels were immersed in liquid nitrogen to maintain their 3D structure, before
being freeze dried and coated with a thin gold-palladium film. SEM images were recorded at
2000X and 10000X magnifications. The pore size and porosity degree were evaluated on three
different regions for each hydrogel using ImageJ software.
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Hydrogels functionalization

For cell seeding experiments, a BMP-2 mimetic peptide was conjugated to hydrogels surface
by using the linker Sulfo-SANPAH following previously described protocols.[55, 56, 69]
Briefly, 200 µL of a 1 mmol.L−1 solution of Sulfo-SANPAH in HEPES buffer (50 mmol.L−1,
pH 8.5) were pipetted onto the gel surface in a 48-well plate which was placed under ultraviolet
light (365 nm) in a UV chamber (Uvitec, UK). The gels were exposed to UV light for 30 min
and rinsed with 500 µL HEPES for each side of the gel disks. The gels were then incubated with
a solution of BMP-2 mimetic peptide (10−3 mol.L−1) in 50 mM HEPES overnight at 4◦C. The
gels were then rinsed in 5 mL HEPES for one week, with changing the rinsing solution twice a
day.

Cell culture and cytofluorescent staining

Bone marrow hMSCs were thawed and cultured in MSCs growth medium 2 (MSC-GM2),
in a humidified atmosphere containing 5% CO2 at 37◦C as recommended by the supplier.
They were subcultured twice a week using trypsin/EDTA 1x detachment and used at passage
5. For differentiation experiments, hMSCs were seeded at a density of 3,000 cells/cm2 in α-
MEM medium on glass slides or on functionalized hydrogels previously sterilized with 70%
ethanol overnight. All cell seedings were carried out without any serum for the first 4 h of
culture. This enabled the interaction of cells with the surface conjugated biomolecules and
not with adsorbed serum proteins. After 4 h, the culture medium was supplemented with
10% FBS. After 24 h, the medium was replaced by MSC Osteogenic Differentiation medium
supplemented with 1% penicillin/streptomycin. The cells were then cultured for 2 weeks and
the Osteogenic Differentiation medium was changed twice a week. Human osteoblasts were
thawed and cultured in Osteoblast growth medium in a humidified atmosphere containing 5%
CO2 at 37◦C. They were subcultured once a week using trypsin/EDTA 1x detachment and used
at passage 2. Osteoblasts were seeded at a density of 20,000 cells/cm2 in Osteoblast Growth
Medium on glass slides previously sterilized with 70% ethanol overnight.
After 24 h for osteoblasts and 2 weeks for hMSCs, cells were fixed in 4% paraformaldehyde at
4◦C for 20 min, permeabilized with 0.5% Triton X-100 in PBS for 15 min at 4◦C and blocked
with 1% BSA in PBS for 30 min at 37◦C. The cell morphology and cytoskeleton organization
were evaluated by labeling filamentous actin (F-actin) with Alexa FluorTM 488 phalloidin (1 :40
dilution) for 1 h at 37◦C. The expression of the early osteocyte marker E11/podoplanin was
assessed by incubating cells for 1h at 37◦C with 2 µg/mL mouse monoclonal anti-podoplanin
primary antibody, then with the secondary antibody Alexa FluorTM 647 goat anti-mouse
IgG (H+L) (1 :400 dilution) for 1 h at 37◦C. Samples were then stained for nuclei using
FluoroshieldTM with Dapi. Fluorescently stained cells were examined using a Leica DM5500B
epifluorescence microscope (Leica Biosystems) equipped with a CoolSnap HQ camera and
controlled by Metamorph 7.6 software. The expression of the osteocyte marker E11 was
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quantified using ImageJ software by measuring the fluorescence intensity on 40 to 50 cells
per sample, with two samples per condition.

Statistical analysis

Data are expressed as the mean ± standard deviation (SD). For the data of fluid absorption
capacity, hydrogels stiffness and stress relaxation extent, a F-test was used to determine the
equality or inequality of the variance. Then, a t-test was used to determine the significant
difference between two conditions, with Welch’s correction in the case of inequal variance,
using GraphPad Prism version 7 for Windows. For the data of E11 expression, the statistical
analysis was performed by one-way analysis of variance (ANOVA) and Tukey’s test for
multiple comparisons using GraphPad Prism version 7 for Windows. Significant differences
were determined for P values ≤ 0.05 (* represents P < 0.05, ** P < 0.01, and *** P < 0.001).
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5.7 Supplementary information

Ratio N,N-methylene Acrylamide Acrylic Buffer
T(%) C(%) acrylamide / acrylic bisacrylamide - 40% in acid solution

acid (mol%) (mg) water (mL) (µL) pH 8 (mL)
16.2 0.03 100 / 0 10 12.5 0 12.4

16.2 0.24 100 / 0 75 12.3 0 12.6

16.2 0.36 100 / 0 112.5 12.2 0 12.4

16.2 0.48 100 / 0 150 12.1 0 12.4

16.2 0.03 95 / 5 10 11.9 242 12.7

16.2 0.24 95 / 5 75 11.7 238 12.9

16.2 0.36 95 / 5 112.5 11.6 236 13.0

16.2 0.48 95 / 5 150 11.5 234 13.1

16.2 0.03 90 / 10 10 11.3 483 13.1

16.2 0.24 90 / 10 75 11.1 476 13.3

16.2 0.36 90 / 10 112.5 11.0 472 13.4

16.2 0.48 90 / 10 150 10.9 469 13.5

16.2 0.03 82 / 18 10 10.3 869 13.7

16.2 0.24 82 / 18 75 10.1 856 13.9

16.2 0.36 82 / 18 112.5 10.0 850 14.0

16.2 0.48 82 / 18 150 9.9 843 14.1

TABLE 5.1 – Composition of gel precursor solutions, where T represents the total polymer
content and C represents the crosslinker concentration.

FIGURE 5.10 – Schematic of a generalized Maxwell model consisting of n Maxwell elements
in parallel. A Maxwell element is composed of one spring (E) and one dashpot (η) in series. An
extra isolated spring (E∞) is added in parallel to represent the final stress.[339]
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FIGURE 5.11 – a) A stress relaxation experiment is performed by applying and maintaining
a constant level of strain and observing the response of the material over time. b) The stress
developed in a purely elastic material remains constant as long as the strain is maintained. A
viscoelastic material responds with an initial high stress that will decrease over time. c) If the
material is a viscoelastic solid, the stress level does not reduce to zero. d) The stress reduces to
zero for a viscoelastic fluid. Adapted from [334]

FIGURE 5.12 – Calculation of the relaxation degree of hydrogels from the stress relaxation
experiments.

FIGURE 5.13 – Linear relation between the Modulus and the amount of crosslinker for different
contents of acrylic acid. (n=3)
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FIGURE 5.15 – Example of stress relaxation modeling with generalized Maxwell model with
one (a), two (b) or three (c) time constants in red versus experimental data in blue. Between 0
and 500 s, the experimental curve could be well fitted using three time constants.

FIGURE 5.16 – Total stress relaxation for the different hydrogel formulations as a function of
the crosslinker content at different compression steps. The relaxation generally increases with
the amount of acrylic acid and decreases when increasing the compression. (n=3)

FIGURE 5.17 – Quantitative analysis of the nuclear osteopontin immunofluorescence intensity
in hMSCs and osteoblasts cultured on glass (controls), and in hMSCs cultured on a
poly(acrylamide-co-acrylic acid) hydrogel with a stiffness of 55 kPa and a high relaxation of
70%, or a pure polyacrylamide hydrogel with a stiffness of 55 kPa and a low relaxation of 15%.
(n=2) The expression of OPN, expressed by both osteoblasts and osteocytes, is higher on the
two hydrogels as compared to the controls. (*** P < 0.001)
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6.1 Résumé

Cette étude vise à évaluer l’impact de la rigidité et de la relaxation de contrainte d’hydrogels
sur la différenciation ostéogénique de cellules souches mésenchymateuses humaines (hMSCs).
Des hydrogels de poly(acrylamide-co-acide acrylique) ont été synthétisés en variant la
formulation des gels pour obtenir des propriétés mécaniques contrôlées, mesurées par
compression et par Microscopie à Force Atomique (AFM). Les hydrogels ont ensuite été
fonctionnalisés avec un peptide mimétique de la protéine BMP-2 avant de mettre en culture des
hMSCs sur les différents hydrogels. Des rigidités allant de 60 à 140 kPa ont mené à l’obtention
de cellules étoilées, forme caractéristique des ostéocytes. Une rigidité de 60 kPa a mené à une
plus forte expression de marqueurs ostéocytaires par rapport à des rigidités de 15 et 140 kPa,
pour une même relaxation (15%). La plus forte expression de marqueurs de différenciation a
été observée pour un gel avec une rigidité de 140 kPa et une relaxation de 70%.

NB : The parts in transparency are not covered in this chapter.
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6.2 Abstract

The aim of this study is to investigate the impact of poly(acrylamide-co-acrylic
acid) hydrogels stiffness and stress relaxation on the osteogenic differentiation of human
mesenchymal stem cells (hMSCs). Varying the amount of crosslinker and the ratio between the
monomers enabled to obtain hydrogels with controlled mechanical properties, as characterized
using unconfined compression and Atomic Force Microscopy (AFM). Subsequently, the surface
of the hydrogels has been homogeneously functionalized with a mimetic peptide of the BMP-
2 protein, in order to favor hMSCs osteogenic differentiation. AFM measurements revealed
that the functionalization of hydrogels containing acrylic acid led to an increase in their
surface stiffness, but did not affect hydrogels stress relaxation. Finally, hMSCs were cultured
on the hydrogels with different stiffness and stress relaxation : 15 kPa-15%, 60 kPa-15%,
140 kPa-15%, 100 kPa-30%, and 140 kPa-70%. The cells on hydrogels with stiffnesses from
60 kPa to 140 kPa presented a star-like shape with dendritic connections between the cells,
regardless of hydrogels relaxation. This shape is characteristic of osteocytes, the last stage
of osteogenic differentiation. The obtention of osteocytes from MSCs differentiation on two-
dimensional substrates has only been reported by our group. Then, the extent of hMSCs
osteogenic differentiation has been evaluated by using immunofluorescence and by quantifying
both the expression of osteoblast markers (Runx-2, osteopontin) and osteocyte markers (E11,
DMP1, sclerostin), which has not been performed elsewhere. It has been found that a stiffness
of 60 kPa led to a higher expression of osteocyte markers as compared to stiffnesses of 15 and
140 kPa, for a constant low relaxation of 15%. Finally, the strongest expression of osteoblast
and osteocyte differentiation markers has been observed for the hydrogel with a high relaxation
of 70% and a stiffness of 140 kPa. Thus, the viscoelastic properties of the matrix would have a
significant impact on MSCs differentiation and should be considered in the future.

Keywords : Poly(acrylamide-co-acrylic acid) hydrogels - stiffness and stress relaxation
- unconfined compression and AFM - human Mesenchymal Stem Cells - osteogenic
differentiation - BMP-2 surface functionalization - osteocytes
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6.3 Introduction

Mesenchymal Stem Cells (MSCs) are multipotent adult stem cells which have gained high
interest in tissue engineering and regenerative medicine considering their self-renewal ability,
multipotency, ease of access with few ethical issues, and high proliferative rate.[101, 287]
MSCs are capable of differentiating into mesoderm-type cells such as osteoblasts (bone cells),
chondrocytes (cartilage cells), and adipocytes (fat cells).[101, 287, 340, 341] In addition,
some studies reported a successful differentiation into other cell types such as neurons[52],
smooth muscle cells[342], and hepatocytes[343]. These observations have raised hopes for the
application of MSCs in regenerative therapies through cell transplantation by intravenous or
direct intra-tissue injection.[344] However, it is now accepted that MSCs need to differentiate
before being introduced into patients, as the clinical use of undifferentiated stem cells may
lead to uncontrolled proliferation and differentiation resulting in serious complications such as
tumor formation.[32] Consequently, the use of MSCs in clinical applications requires a better
understanding of their biological behavior to provide the ability to control their differentiation
into a specific lineage needed for therapy. MSCs being adherent cells, many studies have
evaluated the impact of materials surface properties on their differentiation, such as surface
charge[189], surface chemistry[345], roughness[191], topography[105], stiffness[52], and the
conjugation, organization, and conformation of biomolecules[84]. In general, the main strategy
consists in trying to mimic the properties of the native extracellular matrix (ECM) of cells to
induce the desired cell response.
It is now acknowledged that MSCs sense and respond to the mechanical properties of the ECM
and synthetic substrates such as hydrogels, by exerting contractile forces through adhesion
complexes.[64] Hydrogels are three-dimensional networks formed by the crosslinking of
hydrophilic polymer chains. They have gained a huge interest in biomedical research because
of their tunable chemical properties, elasticity, porosity, and their capability to absorb large
amounts of fluids, providing them with the ability of mimicking the ECM.[36] Regarding
the impact of the matrix stiffness on MSCs differentiation, the hypothesis is that a material
mimicking the stiffness of a given natural tissue will induce a differentiation towards cells of this
same tissue. Considering the case of bone, the osteoid, a collagen matrix secreted by osteoblasts,
would constitute the matrix from which MSCs differentiate into preosteoblasts.[52] Engler at al.
evaluated the stiffness of osteoid to 27± 10 kPa.[52] This value is in accordance with the range
of stiffnesses identified in the literature as promoting a higher MSCs osteogenic differentiation
(from 20 to 60 kPa)[52, 55, 56, 57, 58, 62, 63, 231, 232, 233, 308], using polyacrylamide
hydrogels as a carrier material for cell culture. Nevertheless, this range of stiffnesses is still not
very precise, and most of these papers are limited to the study of a maximal stiffness comprised
between 40 and 60 kPa.[52, 56, 58, 62, 63, 231, 232, 233, 308] While a few papers investigated
the impact of higher stiffnesses on MSCs osteogenic differentiation, the results are sometimes
contradictory. Some studies using polyacrylamide hydrogels showed that a stiffness higher than
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60 kPa (80, 90, 190 kPa) was more favorable for MSCs osteogenic differentiation[57, 60, 69],
while another study found that stiffnesses of 20 and 115 kPa promoted a similar extent of
MSCs osteogenic differentiation[55]. Finally, a study demonstrated that stiffnesses of 12 and
20 kPa promoted a higher MSCS osteogenic differentiation than lower stiffnesses of 2.5 and 5
kPa, and than a higher stiffness of 110 kPa, when the cells were encapsulated within alginate
hydrogels.[54] Consequently, we are still lacking knowledge about the impact of high hydrogel
stiffness (> 60 kPa) on MSCs osteogenic differentiation, and we are still lacking precision on the
best stiffness for MSCs osteogenic differentiation. In addition to elasticity, hydrogels, as well
as biological tissues, must also be characterized through their viscoelastic properties. Indeed,
considering that each strain applied by a cell is first resisted by the material with a certain
stiffness, which represents the elasticity, and then followed by a decrease in resistance over
time due to the viscoelastic response of the material, it is of prime importance to consider
hydrogels viscoelastic properties and their impact on cell behavior.[66] To date, only a few
studies investigated MSCs differentiation in response to hydrogel viscoelastic properties. For
example, Cameron et al. observed a higher expression of adipogenic, myogenic, and osteogenic
differentiation markers of MSCs as the hydrogel viscous modulus increased.[67] Chaudhuri
et al. found a higher adipogenic differentiation of MSCs for gels with a high relaxation time,
and a higher osteogenic differentiation for gels with a low relaxation time.[68] Thus, despite
the consensus that MSCs differentiation is affected by hydrogels mechanical properties, the
knowledge of the impact of the viscoelastic properties remains limited.
Besides the mechanical properties, the presence and distribution of different proteins within
the ECM are also likely to affect stem cell fate. In bone tissue, the ECM is composed
by various proteins such as collagens and bone morphogenetic proteins (BMPs). BMPs
are a group of proteins that can be found in bone matrix and that can induce MSCs
differentiation into osteoblasts through activating cell membrane receptors.[15] Among them,
it has been demonstrated that BMP-2, BMP-6, and BMP-9 play a major role in the induction
of MSCs osteogenic differentiation[15], while BMP-2 is currently approved by the FDA as an
osteoinductive growth factor and used as a bone graft substitute.[17] However, BMP-2 injection
has also been associated with severe side effects as poor bone mineral quality, inflammation,
ectopic bone formation, and osteolysis[17], which might suggest that BMP-2 immobilization
on a bone implant would be preferable to injection. Nevertheless, functionalization of large
areas of materials would demand high quantities of molecules, which, in the case of full-
length proteins, would be very complex and costly.[71] The use of short synthetic peptides
containing only the active amino acid sequence necessary to support a given biological response
is therefore an alternative, as they can be produced at large scale with high purity and at low
costs.[71] In this context, several peptide sequences derived from the BMP-2 protein have
been synthesized and used to promote MSCs osteogenic differentiation[72, 346], including a
mimetic peptide identified by Durrieu et al.[83]. This peptide has been shown to promote MSCs
osteogenic differentiation when covalently attached to glass, with a decrease in the expression
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of a MSC marker, STRO-1, and an increase in the expression of an early osteogenic marker,
Runx-2, after 4 weeks of cell culture, as compared with bare glass or glass functionalized with
a cell adhesion peptide RGD.[84] Similar results have been obtained by functionalizing PET
(polyethylene terephtalate) materials using this same peptide, with a higher expression of early
and late osteogenic markers, Runx-2 and OPN (osteopontin), respectively, after 2 weeks of
cell culture, in comparison with oxidized PET or PET functionalized with RGD peptide.[85]
However, although the use of peptides can bring to these materials a similar bioactivity to the
ECM, the mechanical properties of glass or PET are far from being representative of the in vivo
cell growth environment. Therefore, combining this BMP-2 mimetic peptide to hydrogels that
better mimic the natural cell growth environment appears as a promising approach to further
control MSCs differentiation.
Driven by such considerations, this publication proposes a study on the effect of hydrogels
mechanical properties, including stiffness and viscoelasticity, on human bone marrow MSCs
osteogenic differentiation. To this end, poly(acrylamide-co-acrylic acid) hydrogels with varying
stiffness (from 5 to 140 kPa) and viscoelastic properties (relaxation from 15% to 70%),
developed in a previous study[77], have been synthesized and characterized using uniaxial
unconfined compression and AFM. Indeed, compression and AFM are the most widely used
methods to measure hydrogels stiffness in studies evaluating the impact of the stiffness on MSCs
differentiation. Therefore, it would be particularly interesting to compare the results obtained
with the two techniques, in order to evaluate if studies using compression and AFM could be
compared, and to determine which technique is the most suitable for mechanobiology studies
in 2 dimensions. Subsequently, the hydrogels have been functionalized with a mimetic peptide
of the BMP-2 protein to promote and accelerate MSCs osteogenic differentiation, considering
that this peptide has already proven its ability to drive MSCs osteogenic differentiation.[33,
72, 73, 84, 85, 268, 269, 346, 347] Because polyacrylamide based materials do not support
cell adhesion[52, 55], this peptide also enables the cells to adhere to the substrates. Then,
the impact of hydrogels functionalization on the hydrogels mechanical properties has been
assessed using compression and AFM. Considering the response of MSCs to hydrogels stiffness
and viscoelasticity, the cell spread area has been evaluated after 24 hours of cell culture. In
addition, the osteogenic differentiation of human bone marrow MSCs has been characterized by
fluorescent staining of several markers after 24 hours and 2 weeks of cell culture. Early and late
MSCs osteogenic differentiation were ascertained by measuring the expression of Runx-2 and
OPN (osteopontin), respectively. In addition, E11 (podoplanin), DMP1 (Dentin matrix acidic
phosphoprotein 1), and SOST (sclerostin) expressions were investigated as osteocyte markers.
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6.4 Results and Discussion

6.4.1 Hydrogels mechanical properties

Polyacrylamide and poly(acrylamide-co-acrylic acid) hydrogels were synthesized by
varying the amount of crosslinker and the ratio between the two monomers, acrylamide and
acrylic acid, in order to control their stiffness and their viscoelastic properties. The mechanical
properties of the hydrogels were characterized using unconfined compression and AFM, and are
summarized in Figure 6.1. The statistical analysis is presented in Supplementary Figure 6.13.

Figure 6.1a shows the elastic modulus and Figure 6.1b shows the relaxation of the hydrogels
as determined by stress relaxation experiments performed using unconfined compression.
Increasing the amount of crosslinker within pure polyacrylamide hydrogels leads to hydrogels
with increasing modulus of 5 ± 1 kPa, 55 ± 14 kPa, and 145 ± 3 kPa, but with similar low
relaxation around 15-20%. The relaxation (%) of the hydrogels has been calculated as the
proportion of the maximum stress that is lost during the stress relaxation. These results are
consistent with the fact that polyacrylamide gels are considered mainly as elastic materials[68],
and are in agreement with other studies which showed that increasing the amount of crosslinker
leads to a rise of the stiffness[69, 206]. Then, increasing the amount of acrylic acid in the
hydrogels leads to a rise of hydrogels stress relaxation as a result of the presence of negative
charges brought by acrylic acid, which create electrostatic repulsion between the polymer
chains, as demonstrated in chapter 5.[77] The hydrogels presented in this study would therefore
allow to evaluate the impact of both hydrogels stiffness and stress relaxation on hMSCs
osteogenic differentiation, as three hydrogels present very distinct stiffnesses of 5, 55, and 145
kPa, with a low relaxation around 15%, and three hydrogels present a similar stiffness around
55 kPa, with a very distinct relaxation of 15, 30, and 70%.

Figure 6.1c shows the elastic modulus of the hydrogels measured using AFM. It can be seen
that the parameters used for the AFM measurements led to the obtention of similar modulus
compared to compression. This is consistent with previous studies which obtained similar
moduli for hydrogels characterized with bulk compression and AFM[348, 349, 350], although
one study observed some discrepancies due to the inhomogeneity of hydrogels surface which
can cause a large regional variation of the modulus measured with AFM[349]. However, it can
be seen in Supplementary Figure 6.9 that the hydrogels in our study present a high surface
homogeneity, as the surface modulus measured with AFM shows very little variation over large
zones of 40 x 40 µm. Therefore, the bulk stiffness of these hydrogels would be comparable to
their surface stiffness. It has to be noted that the modulus of the softest gel has been evaluated
to 15 kPa using AFM and 5 kPa using compression. This difference might be explained by the
fact that cutting discs of this hydrogel leads to highly conical samples. Therefore, the modulus
of this soft gel measured using compression might be underestimated.
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FIGURE 6.1 – Mechanical properties of the virgin hydrogels, including a) the elastic modulus
and b) the relaxation mesured using unconfined compression, and c) the elastic modulus
measured using AFM.

6.4.2 Homogeneous grafting of a BMP-2 mimetic peptide

After characterizing their mechanical properties, the hydrogels were functionalized with a
mimetic peptide of the BMP-2 protein, which corresponds to residues 73-92 of BMP-2[83], in
order to promote and accelerate MSCs osteogenic differentiation. Considering that the goal
of this study is to direct MSCs differentiation towards the osteogenic lineage, this BMP-2
mimetic peptide constitutes a good candidate as it has been found to promote MSCs osteogenic
differentiation on many different materials, including hydrogels[72, 73, 268, 269] and hard
materials such as glass and PET[33, 84, 85, 346, 347]. These studies showed that an enhanced
osteogenic differentiation could be obtained with materials that present the BMP-2 peptide
through covalent immobilization. It has also been demonstrated that the immobilization of the
BMP-2 protein preserves essential pathways for MSCs osteogenic differentiation, and could be
even more efficient to trigger these pathways than soluble BMP-2.[351] In addition, it has been
showed that MSCs exert a mechanical force on substrate-bound proteins and gauge the feedback
to make cell-fate decisions.[55] As such, the covalent immobilization of the biomolecule on the

140



substrate is crucial for cells to feel the mechanical properties of the underlying substrate.[55]
The BMP-2 peptide has therefore been covalently attached to the hydrogels to favor MSCs
osteogenic differentiation, to avoid any release of the peptide during cell culture, and to allow
the cells to feel the mechanical properties of the hydrogels.

In order to confirm the covalent grafting of the peptide, the hydrogels have been
functionalized via Sulfo-SANPAH with a BMP-2 peptide carrying a fluorescent group, or
have been immersed in the fluorescent peptide solution without prior activation with Sulfo-
SANPAH. Then, the hydrogels have been washed for 15 days by changing the washing solution
once a day, and the fluorescence intensity of the hydrogels has been evaluated regularly for
15 days. It has been found that the fluorescence intensity of the hydrogels is stable after 5
days of rinsing and remains stable up to 15 days of rinsing (Supplementary Figure 6.12).
Consequently, the hydrogels have been rinsed during 5 days after the functionalization for
all the other experiments. In addition, it has been found that the fluorescence intensity of the
hydrogels activated with Sulfo-SANPAH is ten times higher than the fluorescence intensity
of the non-activated hydrogels (Supplementary Figures 6.11a and 6.12). These results show
that the activation with Sulfo-SANPAH leads to the covalent grafting of the peptide, while the
absence of activation leads to the adsorption of the peptide on the gels, which is eliminated by
rinsing the gels, although it seems that a residual amount of peptide remains adsorbed on the
gels.

As previously reported[84, 85], the peptide surface density was estimated by conjugating
TAMRA-coupled peptides to hydrogels and subsequently imaging the hydrogels by confocal
fluorescence microscopy. Figure 6.2b shows that the functionalization has been achieved on
the surface of the gels, over approximately 25 µm. This might be explained by the fact that
the activation of Sulfo-SANPAH is carried out by UV irradiation and that UV light has been
reported to have limited light penetration depth in biological tissues such as skin[352], as
well as in hydrogels[353, 354, 355]. The BMP-2 peptide has been grafted onto the various
hydrogel formulations in a controlled manner, leading to a homogeneous peptide layer, as shown
by the cross-sectional view of the hydrogel (Figure 6.2b). By considering the fluorescence
intensity of the top layer of the gel, i.e., the first slice of the z-stack (over 4.29 µm), and
the calibration curve in Supplementary Figure 6.11b, the peptide density in the hydrogels
with varying formulations has been estimated around 2 nmol.mm−3. However, as the peptide
grafting density is mainly reported per surface unit in the literature, we also tried to report
the peptide grafting per unit of surface area. As the fluorescence intensity is homogeneous
on the first ten microns of the gel, the fluorescence intensity and the peptide density can be
estimated for a thickness of 1 µm, which can be considered as a surface density. The estimated
peptide surface density varies between 1.5 ± 0.7 and 2.0 ± 0.5 pmol.mm−2 (1 molecule per
nm2), depending on hydrogels formulation, although no significant difference has been found
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(Figure 6.2a). The peptide density on these hydrogels is very similar to the peptide density
on glass[84] (2.2 pmol.mm−2) and PET[85] (1.3 pmol/mm−2), previously found by our group.
The peptide density on our hydrogels (2 pmol.mm−2 or 500 ng.cm−2) is also consistent with
other studies which immobilized different peptides on materials such as hydrogels (from 2
to 9 pmol.mm−2)[356], gold (2 pmol.mm−2)[357], glass (from 100 to 600 ng.cm−2)[358],
and titanium (from 500 to 900 ng.cm−2)[359]. In addition, it has been shown that a minimal
BMP-2 peptide density of 0.8 pmol.mm−2 on glass was required to up-regulate Runx-2 gene
expression in human bone marrow MSCs.[346] Moreover, the BMP-2 peptide concentration
used in our study is similar to the BMP-2 peptide concentration usually used to functionalize
hydrogels (1 to 5mM).[73, 268, 269] Consequently, the peptide density evaluated in our study
would be sufficient to direct MSCs differentiation towards the osteogenic commitment. Finally,
considering that the BMP-2 peptide has been grafted onto the various hydrogel formulations
with a similar peptide density on the different hydrogels (Figure 6.2a), it is unlikely that
differences in cell behavior on the different hydrogels could be attributed to differences in
surface peptide density.

FIGURE 6.2 – a) Estimation of the BMP-2 mimetic peptide surface density on the hydrogels
with different formulations. The peptide surface density has been evaluated between 1.5 and
2.0 pmol.mm−2, with no significant difference depending on hydrogels formulation. (n=2) b)
Cross-sectional view of a hydrogel functionalized with a fluorescent BMP-2-TAMRA peptide
obtained using confocal microscopy. Scale bar = 50 µm. The peptide is located at the surface of
the gel and the functionalization is homogeneous.
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6.4.3 Impact of the functionalization on hydrogels mechanical properties

As shown in the previous section, the functionalization of the hydrogels via Sulfo-SANPAH
and UV light leads to a peptide grafting that is located on the surface of the hydrogels. In
addition, considering that the cells are cultured on the surface of the gels, it is important to
evaluate the impact of the functionalization on hydrogels mechanical properties, and especially
on the surface mechanical properties.

Figure 6.3 shows the mechanical properties of the different hydrogels measured before
(empty bars) and after (hatched bars) the functionalization using unconfined compression
(Figure 6.3a,b) or AFM (Figure 6.3c). As an illustration, it can be seen in Figure 6.3a and
b, that no difference in hydrogels stiffness and relaxation are observed, before and after the
functionalization, from the unconfined compression measurements for the sample containing
the highest amount of acrylic acid. This was expected as it is unlikely that the surface
functionalization of the gels over 25 µm could have an impact on the bulk mechanical properties
of the gels that are measured at 6% deformation (0.3 mm).

Regarding the AFM measurements, Supplementary Figure 6.10 shows that the
functionalized hydrogels present a high surface homogeneity of the modulus over large zones
of 40 x 40 µm.
The AFM measurements presented in Figure 6.3c demonstrate that the surface stiffness of pure
polyacrylamide hydrogels is not affected by the functionalization, while the surface stiffness of
hydrogels containing acrylic acid significantly increases after the functionalization. In addition,
this effect is more pronounced for the hydrogel containing the highest amount of acrylic acid,
as the hydrogels containing 10% and 18% acrylic acid exhibit a similar stiffness around 55-60
kPa before the functionalization, and a stiffness of 100 kPa and 145 kPa, respectively, after
the functionalization. The results presented in Figure 6.3 can be explained by the fact that
poly(acrylic acid) is known to crosslink under UV light, even without the addition of a photo-
initiator.[87, 88, 89] The crosslinking of poly(acrylic acid) under UV irradiation is thought
to result from the cleavage of carboxylic acid groups, leaving radicals on the polymer chains
that can subsequently react with another polymer chain to form crosslinks.[87] Therefore, the
increase in crosslinking results in an increase in hydrogels stiffness. UV irradiation is also
known to degrade the polymers, including polyacrylamide[360] and poly(acrylic acid)[87],
which could result in a decrease in hydrogels stiffness. However, no decrease in hydrogels
stiffness has been measured, either through compression or AFM. The degradation of polymers
under UV irradiation is thought to be related to the presence of oxygen that reacts with
the radicals created on the polymer chains, further leading to polymer chain scission.[87]
Nevertheless, a degradation of only 14% has been observed when polyacrylamide was exposed
to UV irradiation during 64 hours[360], so it is unlikely that an irradiation for 30 minutes
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could lead to significant damage of the hydrogels. In addition, the functionalization has been
performed in an aqueous environment, which might prevent the oxygen from degrading the
polymer chains.
These results highlight that AFM is sensitive to variations in the surface mechanical properties
of the hydrogels, while unconfined compression is not suitable to detect these variations. This
is consistent with the findings of Chang et al.[350] who synthesized hydrogel beads (1.5
mm diameter) and additionally crosslinked the surface region of the beads (over 100 µm),
producing a core-shell structure in order to improve the mechanical properties of the beads.
They showed that the Young’s Modulus of the beads measured with compression did not change
with the additional crosslinking of the surface of the beads, while the surface Young’s Modulus
measured with AFM significantly increased when increasing the crosslinking of the surface of
the beads.[350]

FIGURE 6.3 – Mechanical properties of the different hydrogels measured before (empty bars)
and after (hatched bars) the functionalization with a BMP-2 mimetic peptide, using unconfined
compression or AFM. a) Elastic modulus and b) relaxation measured using compression. c)
Elastic modulus measured using AFM. (**** P < 0.0001)
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Several studies have investigated the impact of polyacrylamide hydrogels thickness on cell
behavior, and particularly cell spread area, by attaching the hydrogels to a glass slide and
varying the thickness of the gel in order to evaluate if the cells could feel the higher stiffness
of the glass slide beneath the hydrogel. These studies were conducted with different cell types,
including smooth muscle cells[90], fibroblasts[91], and MSCs[52, 92, 93], and revealed that
the cell spread area was higher for a gel thickness of the order of a few microns (generally
less than 5 µm) compared to thick gels (10 to 100 µm), suggesting that cells could feel the
rigid glass surface less than 5 µm beneath them. Therefore it appears that measuring hydrogels
stiffness using unconfined compression is not suitable to evaluate the stiffness that the cells
will actually sense. This study provides a clear comparison between compression and AFM,
which is still lacking in the literature, and seems to show that the characterization of the
surface mechanical properties using AFM appears to be crucial to assess the impact of the
functionalization on hydrogels mechanical properties and to further evaluate the impact of these
mechanical properties on cell behavior for studies in 2 dimensions. Consequently, the elastic
moduli selected for the next section of the paper are the elastic moduli of the functionalized
hydrogels measured using AFM.

Finally, the evaluation of hydrogels viscoelastic properties for cell behavior studies is
traditionally performed using macroscopic techniques, such as compression and rheology.[67,
94, 95, 96, 100, 361, 362] However, the surface of the hydrogels is usually functionalized with
biomolecules, in order to allow cell adhesion, which could alter the viscoelastic properties of the
surface of the hydrogel, especially in the case of big proteins such as collagen and fibronectin
for example, and therefore alter the viscoelastic properties sensed by the cells. Nevertheless,
this issue has never been addressed in the literature, to our knowledge. Therefore, evaluating
hydrogels viscoelastic properties at the microscopic scale seems particularly interesting and
relevant to assess the impact of the surface functionalization on hydrogels viscoelastic properties
and to evaluate mechanical properties closer to those actually felt by cells. Consequently, we
measured the stress relaxation response of two hydrogel formulations, before and after the
functionalization, by using AFM. As shown in Figure 6.4, the two hydrogels, that present
a relaxation of 15% and 70% in compression, also show a very different behavior in AFM.
For the pure polyacrylamide hydrogel (Figure 6.4a), the stress remains constant over time,
which reflects the elasticity of the material and which was expected as polyacrylamide gels
are known as elastic materials[68], while the behavior of the hydrogel containing 18% acrylic
acid (Figure 6.4b) is drastically different. It can also be noticed from Figure 6.4 that the stress
relaxation of the two hydrogel formulations is not affected by the surface functionalization
with the BMP-2 mimetic peptide. Although these results are still preliminary, they provide, for
the first time, important confirmation that the viscoelastic properties measured in our study
by using compression can be considered for cell behavior studies as we found no effect
of the surface functionalization with the peptide on the microscopic viscoelastic properties.
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Finally, this topic is very promising and deserves further investigation in order to better
understand hydrogels response to micro-scale mechanical sollicitations, which would pave
the way for the understanding of hydrogels response to the mechanical sollicitations exerted
by the cells and therefore provide major knowledge about cell-material interactions and cell
mechanotransduction.

FIGURE 6.4 – Examples of stress relaxation curves of a) a pure polyacrylamide gel (15%
relaxation in compression) and b) a gel containing 18% acrylic acid (70% relaxation in
compression), with and without surface functionalization, measured at different locations on
the sample using AFM. The behavior of the two hydrogel formulations is drastically different,
and the stress relaxation is not affected by the surface functionalization with the BMP-2 mimetic
peptide. (bis = bis-acrylamide, i.e., the crosslinker, AA = acrylic acid)

6.4.4 Impact of hydrogels mechanical properties on hMSCs osteogenic
differentiation

First, the effect of hydrogels stiffness and stress relaxation on the spreading of human bone
marrow MSCs was assessed by quantifying the area of individual MSCs cultured for 24 hours
on the five hydrogels with varying elastic modulus and stress relaxation, and functionalized with
the BMP-2 mimetic peptide.

Figure 6.5 demonstrates that the cell spreading area increases with hydrogels stiffness,
as observed in previous studies working with polyacrylamide hydrogels (from 0.5 kPa to 80
kPa).[52, 56, 58, 62, 69] Nevertheless, the increase in the cell spreading area with hydrogels
stiffness is not infinite, as Trappmann et al. showed that MSCs spreading area increases
with polyacrylamide hydrogels stiffness from 0.5 to 115 kPa, but remains constant for higher
stiffnesses from 115 to 740 kPa.[55] The results obtained in our study are consistent with the
hypothesis that cells on soft gels need to be less contractile than on stiff gels to adhere to the
matrix. Indeed, cells on stiff gels are generally highly spread and present an organized actin
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cytoskeleton with stable focal adhesions, which allows the cells to maintain their contractility,
while the cells are more round and present dynamic adhesions and no cytoskeleton organization
on soft substrates.[65]
Figure 6.5 shows that increasing hydrogels stress relaxation leads to a decrease in the cell
spreading area. Indeed, cells on hydrogels with 30% and 70% relaxation exhibit smaller spread
area than on the hydrogel with a stiffness of 60 kPa and with low relaxation, although they
present higher stiffnesses of 100 and 140 kPa. In addition, it can be observed that the cell
spread area is similar on the hydrogels with 30% and 70% relaxation (Figure 6.5a). This might
be explained by the fact that the effect of stiffer material (140 kPa vs 100 kPa) is somewhat
counterbalanced by a higher relaxation (70%), therefore leading to a decrease of the cell area. In
other words, the effects of hydrogels stiffness and stress relaxation would compensate each other
and lead to a similar cell spread area on these two hydrogels. These observations are consistent
with previous studies which showed, with different cell types including mouse fibroblasts,
mouse myoblasts, and human hepatic stellate cells, that increasing hydrogels viscoelasticity
resulted in a decrease in the cell spread area after 24 hours.[94, 95, 96, 97] Charrier et al.
observed that cells present smaller focal adhesion on viscoelastic substrates as compared to
elastic gels, which is in agreement with the hypothesis that low traction forces develop at the
cell substrate interface due to the relaxation of the forces exerted by the cell on the substrate.[94]
Consequently, the viscous dissipation of the cell-generated forces into the matrix would prevent
cell spreading.[94, 97] However, this effect might be stiffness dependent. Indeed, Chaudhuri
et al. showed that increasing hydrogels stress relaxation leads to an increase in the cell spread
area for hydrogels with a low stiffness (1.4 kPa), while increasing hydrogels stress relaxation
leads to a decrease in the cell spread area for higher stiffnesses (3.4 and 9 kPa).[95] Similarly,
Bauer et al. observed that for stiffnesses of 3 and 12 kPa, the cell spread area is higher when
increasing hydrogels stress relaxation, while it is the contrary for a high stiffness of 50 kPa.[96]
It has been hypothesized that the dissipation of energy by the matrix, resulting in a decrease in
stored energy, would allow cells to generate more work on soft viscoelastic substrates relative
to purely elastic substrates with the same stiffness, which may facilitate cell spreading.[95]
Nevertheless, other studies showed that increasing hydrogels viscoelasticity leads to a decrease
in the cell spread area even for low stiffnesses of 0.5 and 5 kPa.[94, 97] The results in Figure
6.5 clearly demonstrate that increasing hydrogels stress relaxation leads to a decrease in the cell
spread area for hydrogels with high stiffnesses, which supports the literature results.

Finally, it can be seen in Figure 6.5b that the cell density appears to be similar on the
different materials. This is particularly important as the initial cell seeding density is known
to play a role in MSCs differentiation.[175, 176, 177, 178] Therefore, in this study, it is unlikely
that differences in cell behavior on the different hydrogels could be attributed to differences in
initial cell seeding density.
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FIGURE 6.5 – Evaluation of hMSCs spreading after 24 hours depending on hydrogels
mechanical properties. a) Quantification of the cell spreading area depending on hydrogels
mechanical properties. The data were obtained from two identical experiments, with two
samples per condition, and 25-50 cells per sample. Different greek letters represent a statistical
difference while identical greek letters represent no statistical difference. (P < 0.01) b)
Epifluorescence microscopy images of phalloidin staining of the cytoskeletal fibers of hMSCs
cultured for 24 hours on hydrogels with varying mechanical properties, and staining of hMSCs
and osteoblasts cultured for 24 hours on glass. Magnification 10x, scale bar = 100 µm. The cell
spreading area increases with hydrogels stiffness for a low relaxation around 15%, while it is
lower for the hydrogels presenting 30% and 70% stress relaxation. The cell density appears to
be similar on the different materials after 24 hours.

Subsequently, the immunofluorescence labelling of early (Runx-2) and late (osteopontin)
osteoblast markers, as well as early (E11, DMP1) and late (sclerostin) osteocyte markers has
been performed, and the quantification of their expression after 24 hours is shown in Figure 6.6.
The statistical analysis is presented in Supplementary Figure 6.14.
E11, also called podoplanin, is the earliest osteocyte-selective protein to be expressed as
osteoblasts differentiate into osteocytes[147, 148], and it has been found to play a role in
dendrite formation in osteocytes[147, 154]. DMP1 has been found to be highly expressed
in osteocytes, with only a very low level of expression in osteoblasts.[327, 329, 363] In
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bone, DMP1 would maintain the osteocyte lacunocanalicular system, by maintaining the
number of canaliculi and the quality of the lacunar walls, and it would play a role in
osteocyte maturation and normal bone mineralization.[363] In addition, it would suppress
MSCs osteogenic differentiation[364], downregulate osteoblast-specific genes, such as osterix
and collagen I, as well as upregulate the osteocyte-specific gene sclerostin[363]. Sclerostin
is a marker of mature osteocytes and its expression progressively increases as osteocytes
mature, while it is not expressed in osteoblasts.[365] Sclerostin has been found to inhibit
osteoblast differentiation, proliferation, and activity, resulting in reduced osteoblastic bone
formation.[366] The quantification of these three osteocyte markers, in addition to the
quantification of the osteoblast markers Runx-2 and osteopontin, traditionally performed in
the literature, is therefore particularly interesting to follow MSCs osteogenic differentiation and
potentially determine the differentiation stage of the cells. Indeed, it combines the evaluation
of early and late osteoblast and osteocyte markers, which has never been performed in vitro
by using immunofluorescence, to the best of our knowledge. Finally, considering that the
understanding of the transition of MSCs or osteoblasts towards osteocytes is mainly based on
in vivo observations from the staining of histological sections[367], this study could provide
a deeper knowledge about the evolution of the expression of these markers during MSCs
osteogenic differentiation in vitro.

As shown in Figure 6.6, after 24 hours, the expression of Runx-2 is the highest for
osteoblasts (HOB) and cells on the hydrogel 140 kPa-70%, while it is lower and similar for
MSCs on the other hydrogels and on glass. This tendency is confirmed by the class distribution
of Runx-2 fluorescence intensity (Supplementary Figure 6.16), although it also seems to show
that the expression of Runx-2 is higher for the hydrogel 100 kPa-30% than for the hydrogels
5 kPa, 60 kPa, and 140 kPa with 15% relaxation, that cannot be seen in Figure 6.6. Then,
the expression of osteopontin is upregulated for the hydrogels 60 kPa-15% and 140 kPa-15%
as compared to all the other conditions (Figure 6.6). This can also be clearly observed in
Supplementary Figure 6.17, as the osteopontin expression is shifted towards higher intensities
for the hydrogels 60 kPa-15% and 140 kPa-15%. This is consistent with the fact that the cell
spread area is higher on these two hydrogels, and that a higher cell spread area is known to favor
MSCs osteogenic differentiation.[62, 69, 74, 76]
It can be noticed that the expression of the three osteocyte markers is systematically higher for
cells on the different hydrogels as compared to cells on glass. The expression of E11 is the
strongest for the cells on the hydrogels 60 kPa-15%, 100 kPa-30%, and 140 kPa-70%, followed
by the hydrogels 15 kPa-15% and 140 kPa-15%. The expression of DMP1 is dramatically higher
for MSCs on the hydrogels 100 kPa-30% and 140 kPa-70%. Then, DMP1 is expressed more
significantly for cells on the hydrogel 60 kPa-15%, as compared to osteoblasts and MSCs on
the hydrogels 15 kPa-15% and 140 kPa-15%. Finally, the expression of sclerostin is higher for
MSCs on the hydrogels 100 kPa-30% and 140 kPa-70%, followed by MSCs on the hydrogels
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15 kPa-15% and 60 kPa-15%, and followed by osteoblasts and MSCs on the hydrogel 140 kPa-
15%. Supplementary Figures 6.18, 6.19, and 6.20 also clearly demonstrate the shift towards
higher intensities for the expression of the three osteocyte markers for the hydrogels 100 kPa-
30% and 140 kPa-70%. Taken together, these results indicate that a stiffness of 60 kPa would
be more favorable for the expression of osteocyte markers than stiffnesses of 15 and 140
kPa, for the same low relaxation. Then, it appears that the hydrogels 100 kPa-30% and 140
kPa-70%, presenting a higher stress relaxation than the other conditions, promote the highest
expression of osteocyte markers at a short culture time of 24 hours. This finding is particularly
interesting as the impact of hydrogels mechanical properties on MSCs differentiation towards
osteocytes is still unknown. These results might suggest that a high cell spread area, inducing
a high cytoskeleton tension, is required for MSCs differentiation towards osteoblasts, while a
lower cell spread area may favor a differentiation towards osteocytes. However, if the osteocyte
differentiation was only related to the cell spread area, the expression of osteocyte markers
should be comparable on the hydrogel with the lowest stiffness and the two hydrogels with a
higher stress relaxation, which is not the case. Therefore, hydrogels stress relaxation might play
an important role in MSCs differentiation towards osteocytes.

FIGURE 6.6 – Quantitative analysis of the nuclear expression of Runx-2 and OPN (osteopontin),
and the total cellular E11 (podoplanin), DMP1 (Dentin Matrix Protein 1), and SOST (sclerostin)
immunofluorescence intensity in hMSCs and osteoblasts cultured on glass (controls), and in
hMSCs cultured on hydrogels with varying mechanical properties (stiffness - kPa, and stress
relaxation - %), after 24 hours. (n=2)
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The morphology of the cells on the different materials has been considered after 2 weeks of
culture in osteogenic culture medium by visualizing cell cytoskeleton with phalloidin. As shown
in Figure 6.7, MSCs in osteogenic culture medium on glass are large, highly spread, and exhibit
a cuboidal morphology typical of osteoblasts[23, 98, 99], while cells on the hydrogels present a
smaller cell body and a dendritic morphology characteristic of osteocytes[5, 6, 98, 327], except
on the hydrogel with the lowest stiffness.
These results suggest that the combination of our polyacrylamide based hydrogels, together with
a surface functionalization with a BMP-2 mimetic peptide, and with osteogenic culture medium,
may lead to hMSCs differentiation towards osteocytes. This finding is particularly interesting
considering that this BMP-2 mimetic peptide has not been found to promote this cell dentritic
morphology when immobilized on glass[84] or PET[85], or even on hydrogels[73, 268, 269]. In
addition, other biomolecules such as collagen I, collagen IV, fibronectin, and laminin, typically
used to functionalize polyacrylamide hydrogels in the literature[52, 55, 56, 69], have not been
found to promote the dendritic morphology observed in this study either. The observation
of osteocyte-like cells is also probably related to the low seeding density used in our study
(3,000 cells/cm2), as it has been shown that the transition from osteoblasts to osteocytes was
promoted for a low seeding density of 1,000 cells/cm2, but not for a high seeding density of
10,000 cells/cm2.[332] Therefore, it is possible that our unique combination of hydrogels with
a stiffness between 60 and 140 kPa and a relaxation between 15% and 70%, the BMP-2 mimetic
peptide, osteogenic culture medium, and low cell seeding density, led to the major achievement
of obtaining a dentritic morphology on 2D substrates, while it is generally admitted that the
transition from osteoblasts to osteocytes requires a 3D environment.[5, 98, 368, 369]

FIGURE 6.7 – Epifluorescence microscopy images of phalloidin staining of the cytoskeletal
fibers of hMSCs cultured for 2 weeks in osteogenic culture medium on hydrogels with varying
mechanical properties or on glass, and staining of osteoblasts cultured for 2 weeks on glass.
Magnification 10x, scale bar = 100 µm. The cells present a star like shape on all the hydrogels
except on the hydrogel with the lowest stiffness.
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Finally, the immunofluorescence labelling of early (Runx-2) and late (osteopontin)
osteoblasts markers, as well as early (E11, DMP1) and late (sclerostin) osteocytes markers has
been performed after 2 weeks of culture in osteogenic culture medium, and the quantification of
their expression is shown in Figure 6.8. The statistical analysis is presented in Supplementary
Figure 6.15.

FIGURE 6.8 – Quantitative analysis of the nuclear expression of Runx-2 and OPN (osteopontin),
and the total cellular E11 (podoplanin), DMP1 (Dentin Matrix Protein 1), and SOST (sclerostin)
immunofluorescence intensity in hMSCs and osteoblasts cultured on glass (controls), and in
hMSCs cultured on hydrogels with varying mechanical properties (stiffness - kPa, and stress
relaxation - %), after 2 weeks in osteogenic culture medium. (n=2)

It can be seen in Figure 6.8 that the expression of the five differentiation markers is
similar between MSCs on glass and osteoblasts, which is consistent with the morphological
observations that suggest that MSCs on glass undergo a transition towards osteoblasts. The
expression of Runx-2 is higher for cells on the hydrogels 140 kPa-70% and 100 kPa-30%,
followed by the hydrogel 140 kPa-15%, and followed by the hydrogels 15 kPa-15% and 60
kPa-15%. The expression of osteopontin is upregulated for cells on the hydrogels with high
stiffnesses (100 and 140 kPa), and gradually decreases when decreasing hydrogels stiffness.
Regarding the osteocyte markers, it can be seen that their expression is systematically higher for
cells on the different hydrogels as compared to MSCs and osteoblasts on glass. The expression
of E11, DMP1, and sclerostin is the highest for the hydrogel with the highest stress relaxation.
Then, cells on the hydrogels 60 kPa-15% and 100 kPa-30% present a similar level of expression
of the three markers, generally higher than the expression on the hydrogel 15 kPa-15%. Finally,
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cells on the hydrogel 140 kPa-15% show the lowest expression of the three osteocyte markers
as compared to the other hydrogels.
Regarding the impact of hydrogels stiffness for a constant relaxation (around 15%), these
results show that a high stiffness of 140 kPa promotes a higher expression of Runx-2 and
osteopontin as compared to stiffnesses of 15 and 60 kPa. Supplementary Figures 6.21 and
6.22 undoubtedly confirm these observations as the expression of Runx-2 and osteopontin is
shifted towards higher intensities for the hydrogel 140 kPa-15% as compared to the hydrogels
15 kPa-15% and 60 kPa-15%. This result is consistent with the fact that the stiffness of
140 kPa has been found to promote a higher cell spread area, which is favorable for MSCs
osteogenic differentiation.[62, 69, 74, 76] This might be surprising as it has been showed
that MSCs osteogenic differentiation is generally favored for stiffnesses between 20 and 60
kPa[52, 55, 56, 57, 58, 62, 63, 231, 232, 233, 308], as it corresponds to the stiffness of osteoid,
the extracellular matrix secreted by osteoblasts[52]. Nevertheless, it can be seen in Figure
6.8 that a stiffness of 60 kPa leads to a higher expression of E11, DMP1, and sclerostin, as
compared to stiffnesses of 15 and 140 kPa for a constant relaxation (around 15%), which is
also supported by Supplementary Figures 6.23, 6.24, and 6.25. This might suggest that, after
two weeks, the cells on the hydrogel 60 kPa-15% have committed into more mature osteocytes,
related to a higher expression of osteocyte markers and a lower expression of osteoblast markers,
while cells on the hydrogel 140 kPa-15% are less mature osteocytes as they present a lower
expression of osteocyte markers and a higher expression of osteoblast markers. Therefore, the
stiffness of 60 kPa might be the most favorable to direct MSCs osteogenic differentiation. This
is consistent with the fact that the stiffness of 60 kPa already promoted a higher expression of
the osteocyte markers after 24 hours of cell culture. Finally, our results have shed light on the
impact of high hydrogel stiffness on MSCs osteogenic differentiation by showing that a stiffness
of 140 kPa was less favorable than a stiffness of 60 kPa to induce MSCs differentiation towards
osteocytes. In addition, while a range of stiffnesses between 20 and 60 kPa has been identified in
the literature as enhancing MSCs osteogenic differentiation, our study suggests that a stiffness
closest to 60 kPa is more favorable than a stiffness closest to 20 kPa.
Regarding the impact of hydrogels stress relaxation on MSCs differentiation, a high relaxation
of 70% promotes the highest expression of the three osteocyte markers, which is dramatically
higher than for a relaxation of 15% with the same stiffness (140 kPa). In addition, the hydrogel
140 kPa-70% also leads to a higher expression of E11, DMP1, and sclerostin, than the hydrogel
60 kPa-15%, although the stiffness of 60 kPa has been identified as the most favorable
stiffness for MSCs osteogenic differentiation. Supplementary Figures 6.23, 6.24, and 6.25 also
clearly demonstrate that the expression of E11, DMP1, and sclerostin is shifted towards higher
intensities for the hydrogel 140 kPa-70%. These results might suggest that hydrogels stress
relaxation has a major impact on MSCs differentiation towards osteocytes, and that this impact
may be stronger than the impact of the stiffness. In addition, the similar level of expression
of E11, DMP1, and sclerostin on the hydrogels 60 kPa-15% and 100 kPa-30% might indicate
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that the higher stiffness of 100 kPa, which would be less favorable for MSCs differentiation
than the stiffness of 60 kPa, is compensated by the higher relaxation of 30%, which would
be more favorable for MSCs differentiation than the relaxation of 15%. Finally, considering
that the hydrogels 100 kPa-30% and 140 kPa-70% lead to a high expression of osteocyte
markers, which might be correlated with the obtention of more mature osteocytes, a lower
expression of Runx-2 and osteopontin would have been expected for these two hydrogels, as
they have been identified as early and late osteoblast markers, respectively.[111, 113] The high
expression of Runx-2 and osteopontin for these two hydrogels might indicate that, although
MSCs osteogenic differentiation is more advanced on these hydrogels, the differentiation is
heterogeneous. Indeed, Supplementary Figures 6.16 and 6.22, reveal that the expression of
Runx-2 and osteopontin is shifted towards higher intensities for the hydrogels with 30% and
70% relaxation, but they also present a larger distribution.
The results presented in our study are in agreement with previous studies which showed
that increasing hydrogels viscoelasticity, i.e., loss modulus or stress relaxation, leads to a
higher MSCs osteogenic differentiation whether in 2D[67] or 3D culture[100, 361, 362]. The
main hypothesis to explain this phenomenon is that increasing hydrogels viscoelasticity leads
to more possibilities for the cells to remodel the matrix, which enhances MSCs osteogenic
differentiation.[100]

To the best of our knowledge, the in vitro differentiation of MSCs into osteocytes in 2
dimensions has only been reported by our group. Osteocyte function is difficult to study because
osteocytes are embedded in a mineralized matrix.[156] In addition, only a few osteocyte models
are available, and none of the available osteocyte models have completely replicated the normal
in vivo differentiation process.[156] Therefore, this study is particularly promising for the
study of hMSCs osteogenic differentiation and osteocyte function. This study suggests that
hydrogels stress relaxation has a great impact on MSCs differentiation towards osteocytes. This
is consistent with the fact that osteocytes are particularly sensitive to the deformation of the
bone matrix.[5, 6] Therefore, it is possible that increasing hydrogels stress relaxation allows to
better mimic the behavior of bone extracellular matrix, in which osteoblasts embed to become
osteocytes.[5, 330] In addition, MSCs differentiation towards osteocytes has been achieved in
a greater extent on the hydrogel with the highest stress relaxation, although this hydrogel led
to a smaller cell spread area as compared to an elastic gel with the same stiffness. This might
indicate that a high cell spreading is not necessary for MSCs commitment towards osteocytes.
Finally, this study also highlights that MSCs mechanotransduction does not only involve
the integrin receptors. Indeed, it has been well documented that MSCs exert traction forces
on two dimension substrates to gauge surrounding matrix resistance and that these MSCs-
substrate interactions involve the cells integrin receptors.[370] Bone morphogenetic proteins
are extracellular cytokines, which can also be found sequestered in the extracellular matrix,
which would be a similar configuration to the immobilized BMP-2 peptide on our hydrogels.
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It has been shown that BMPs, including BMP-2, interact with transmembrane receptors
known as Type I and Type II receptors. Ligand binding induces the formation of receptor
complexes, involving two Type I and two Type II receptors. These receptor complexes can
subsequently interact with co-receptors, such as integrins, therefore affecting integrin and
BMP-signaling, and cell adhesion and differentiation.[371] The peptide sequence proposed in
our study and patented by our team has been designed to preserve this interaction with the
Type II receptor.[83] In addition, BMPs receptors interact with multiple proteins, including
proteins acting as signal transducers that allow stem cells to sense and respond to extracellular
stiffness cues.[371] This BMP-2 mimetic peptide would therefore allow cell adhesion and cell
mechanosensing, although it would not be by direct interaction with integrin receptors.
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6.5 Conclusions

This study showed that varying the amount of crosslinker and the ratio between the two
monomers of poly(acrylamide-co-acrylic acid) hydrogels enabled to obtain hydrogels with
controlled stiffness and stress relaxation as measured using unconfined compression and
AFM. Subsequently, it has been demonstrated that the functionalization of the hydrogels
with a mimetic peptide of the BMP-2 protein via Sulfo-SANPAH led to a homogeneous
functionalization of the surface of the hydrogels over approximately a 25 µm depth, with no
difference in peptide density depending on hydrogels formulation. However, it has been found
that the UV irradiation performed during hydrogels functionalization was responsible for an
increase in the surface stiffness of hydrogels containing acrylic acid as measured using AFM,
while this variation was not detected using unconfined compression. Considering that the cells
are able to sense the stiffness of the substrate up to 5 µm deep, it is likely that the cells will
sense the increase in stiffness caused by the functionalization. Therefore, this study provides
a clear comparison between unconfined compression and AFM for mechanobiology studies,
which is still lacking today, and highlights that the characterization of the surface mechanical
properties using AFM appears to be crucial to assess the impact of the mechanical properties of
2 dimensions substrates on cell behavior. The stress relaxation measurements carried out using
AFM also provided, for the first time, important confirmation that the viscoelastic properties
measured using compression could be considered for cell behavior studies as we found no effect
of the surface functionalization with the peptide on the microscopic viscoelastic properties.
The immunofluorescence results demonstrated that the BMP-2 mimetic peptide at a density
around 1.5-2 pmol.mm−2 effectively induced human bone marrow MSCs commitment towards
the osteogenic lineage, and even towards osteocytes as the cells presented a small cell body
and a dendritic morphology for hydrogels stiffnesses between 60 and 140 kPa, which has only
been reported by our group. It has been shown that for a constant relaxation around 15%, a
stiffness of 60 kPa promoted a higher expression of osteocyte markers after 24 hours and 2
weeks, as compared to stiffnesses of 15 kPa and 140 kPa. Then, the hydrogel with a stiffness of
140 kPa and the highest relaxation (70%) promoted the highest expression of osteocyte markers
after 2 weeks. These results suggest that hydrogels stress relaxation has a major impact on
MSCs differentiation towards osteocytes, which may be stronger than that of the stiffness, as a
high viscoelasticity would favor MSCs osteogenic differentiation even if it is associated with a
stiffness that is not the most favorable. Therefore, this study provides a new insight about the
effect of hydrogels viscoelastic properties on MSCs osteogenic differentiation, and highlights
the importance of considering these properties for the design of effective materials to promote
bone regeneration. In addition, the results presented herein are particularly promising for the
study of MSCs differentiation towards osteocytes, which is still a relatively unknown process,
and to investigate osteocyte function, which is a difficult task as these cells are particularly
difficult to extract.
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6.6 Materials & Methods

6.6.1 Materials

Acrylamide (40% in water), acrylic acid, ammonium persulfate (APS), sodium phosphate
dibasic, sodium phosphate monobasic, Tetramethylethylenediamine (TEMED), sulfo-SANPAH
(sulfosuccinimidyl 6-(4’-azido-2’-nitrophenylamino)hexanoate), HEPES (4-(2-hydroxyethyl)-
1-piperazineethanesulfonic acid), paraformaldehyde, N,N-methylene-bis-acrylamide, Triton
X-100, Tween 20, Bovine Serum Albumine (BSA), and FluoroshieldTM with Dapi were
obtained from Sigma-Aldrich (France). KRKIPKASSVPTELSAISMLYLC peptide, which is
a BMP-2 mimetic peptide previously identified by our group[83], and the fluorescent peptide
KRKIPKASSVPTELSAISMLYLCK-TAMRA were synthesized by GeneCust (France). Bone
marrow hMSCs, MSCs growth medium 2 (MSC-GM2), MSC Osteogenic Differentiation
medium, human osteoblasts, and Osteoblast Growth Medium were purchased from Promocell
(Germany). Alpha Modified Eagle Medium (α-MEM), sterile Phosphate Buffered Saline
(PBS), trypsin/EDTA (Ethylenediaminetetraacetic acid), penicillin/streptomycin, Fetal Bovine
Serum (FBS) were obtained from Thermo Fisher Scientific (France). Alexa FluorTM 488
phalloidin, Alexa FluorTM 568 phalloidin, Alexa FluorTM 647 goat anti-mouse IgG (H+L),
and Alexa FluorTM 488 goat anti-rabbit IgG (H+L) were bought from Invitrogen (France).
Rabbit monoclonal anti-Runx-2 antibody was obtained from Cell Signaling Technology (USA)
and mouse monoclonal anti-osteopontin antibody was obtained from Santa Cruz Biotechnology
(USA). Mouse monoclonal anti-podoplanin, rabbit polyclonal anti DMP1, and rabbit polyclonal
anti-sclerostin antibodies were purchased from Abcam (UK).

6.6.2 Methods

Preparation of hydrogels

Poly(acrylamide-co-acrylic acid) hydrogels have been synthesized according to a previously
established protocol.[77] Briefly, the gel precursor solutions were made by mixing appropriate
amounts of N,N-methylene-bis-acrylamide, acrylamide, and acrylic acid in a buffered solution
at pH 8. The total polymer content was kept constant while the crosslinker content and the ratio
between the monomers were varied to tune the mechanical properties of the resulting hydrogels.
After the solutions were prepared, they were outgassed by argon bubbling for 10 minutes. Then
TEMED and APS were added simultaneously to the reaction mixture. The solutions were then
quickly poured into a round petri dish of 10 cm diameter and maintained under a flow of argon
into a sealed container for 2 hours. Hydrogels were then put in PBS (Phosphate Buffered Saline)
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at room temperature and allowed to swell at equilibrium for at least 4 days before cutting disks
of 10 mm diameter using a metallic punch.

Unconfined compression for bulk mechanical properties measurements

The modulus and stress relaxation properties of the hydrogels were first measured from
unconfined compression tests of the gel disks (10mm in diameter, 4 mm thick, equilibrated in
PBS pH 7.4 for 4 days) using a Mach-1 V500CS (Biomomentum, Canada) apparatus equipped
with a 1.5 N single-axis load cell as described elsewhere.[77] Gel disks were compressed
between two flat platens, with a flat indenter of 3 cm diameter, and were free to expand in
the radial direction. Tests were performed at room temperature in a PBS bath to avoid the
drying of the samples. The gel disks were compressed to 5 consecutive steps of 3% strain with
a deformation rate of 1 mm.min−1. The strain was held constant between two steps, while
the load was recorded as a function of time for 1 hour and 50 minutes. Measurements were
performed in triplicate.
A standard linear solid model with three Maxwell elements was used to analyze the relaxation
curves and is described by the following equation :

σ(t) = a.exp(
−t
τ1

) + b.exp(
−t
τ2

) + c.exp(
−t
τ3

) + d

Where τ1, τ2 and τ3 are the three relaxation times of the three Maxwell elements and d is the
equilibrium stress in the isolated spring. The 7 parameters a, b, c, d, and τ1, τ2, and τ3 were
computed using Matlab R© (version R2017b). Limits for the coefficients a, b, c, and d were fixed
between 0 and +∞, and between 0 and 30 s for τ1, 30 and 2000 s for τ2, and 2000 and 6480
s for τ3. Correlation coefficients greater than 0.97 were obtained for all relaxation tests. The
stiffness of the hydrogels, or their equilibrium modulus, is obtained by calculating the residual
force at the end of the relaxation for each of the five compression steps, and by measuring
the slope of the line connecting these five points. The relaxation degree (%) of the different
hydrogel formulations is calculated as the proportion of the maximum stress that is lost during
the stress relaxation.[77]

Homogeneous surface functionalization of hydrogels

For cell seeding experiments, a BMP-2 mimetic peptide was conjugated to hydrogels surface
by using the linker Sulfo-SANPAH following previously described protocols.[55, 56, 69]
Briefly, 200 µL of a 1 mmol.L−1 solution of Sulfo-SANPAH in HEPES buffer (50 mmol.L−1,
pH 8.5) were pipetted onto the gel surface in a 48-well plate which was placed under ultraviolet
light (365 nm) in a UV chamber (Uvitec, UK). The gels were exposed to UV light for 30 min
and rinsed in HEPES overnight. The gels were then incubated with a solution of BMP-2 mimetic
peptide (5.10−4 - 10−3 mol.L−1) in 50 mM HEPES overnight at 4◦C. The gels were then rinsed
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in 5 mL HEPES for one week, with changing the rinsing solution once a day.

Characterization of the functionalization

The functionalized surfaces were characterized using fluorescence microscopy. The gels
were functionalized with a BMP-2 mimetic peptide linked to TAMRA fluorochrome (BMP-2-
TAMRA) at the C terminal. A Leica SP8 confocal microscope was used to confirm a uniform
grafting on the surface of the gel and to observe the repartition of the molecules in the thickness
of the gel. Images were collected with identical microscope and laser settings for each sample
(objective HC PL Fluotar 10x/0.3, 4096 x 4096, 16 bits per pixel). Z-stacks were created over
100 µm with a slice-thickness of 4.29 µm. In parallel, a series of droplets of BMP-2-TAMRA
peptide were deposited on PET surfaces with calibrated concentrations (from 1 mM to 1 µM)
and imaged under identical conditions to obtain a calibration curve, which was then used to
measure the peptide density on the hydrogels. Image J software was used to quantify the relative
fluorescent intensity of the grafted molecules as a function of hydrogels mechanical properties.

AFM imaging and nanomechanical analyses

The gel samples were deposited on glass bottom petri dishes (Willco wells, ref HBST 5040)
and immobilized by casting agarose (1% w/v) around it. Caution was applied in order to keep
the surface of the gels free of any contamination during the immobilization process.
A Bioscope ResolveTM (Bruker, USA) AFM coupled to a Zeiss Axio Observer inverted
microscope (Zeiss, Germany) was used in this study. After localizing the borders of the gel by
optical microscopy, we studied several areas of each gel sample. The AFM tip was approached
towards the area to be analyzed. We used two types of probes depending on the range of
expected Young’s moduli, following the PFQNM protocol allowing the Young’s Modulus to be
measured : MLCT-A probes (Bruker, Billerica, USA) with pyramidal shape, having a nominal
spring constant of 0.07 N/m and a resonance frequency of ≈22 kHz were used for the softest
sample (15 kPa-15%) and MLCT-F probes (Bruker, USA) with nominal spring constants of
0.6 N/m, and resonance frequencies of 125 kHz were used for the other samples. Prior to each
experiment, the AFM probe has been calibrated following the PF-QNM advanced calibration
process, which involves engaging the tip on a hard sample (glass) and acquiring representative
force curves to measure the deflection sensitivity and using a thermal tune to calculate the spring
constant. Images were captured in PBS buffer on 40 µm x 40 µm zones with a resolution of 128
pixels per line, and with a PeakForce frequency of 0.25 kHz and a PeakForce amplitude of 250
nm for stiffer gels to 1 µm for the softest one. The force setpoint was kept between 1 and 2 nN.
In complement to PFT imaging, we performed force volume measurements on 40 µm x 40 µm
zones, with 16x16 grids of 0.5 to 1.5 µm ramps performed with a force setpoint of 1 nN and an
approach and retract speed of 1 µm/s. This small approach velocity minimized the potential
contribution of the gel’s viscosity to the mechanical response, resulting in the suppression
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of the hydrodynamic damping hysteresis observed in PFT. Indeed, a small approach velocity
allowed to minimize the impact of the viscosity in the mechanical response of the tip.[372, 373]
Regarding the relative Young’s modulus calculation and the topographical measurements, for
each gel, at least two different samples were studied with at least 3 different areas studied
on each sample. The indentation depth never exceeded 100 - 200 nm, for gels that were ≈5
mm thick ; therefore we consider that the substrate is not contributing to the measured relative
Young’s modulus. Images and force curves were treated using Nanoscope Analysis v2.0. For the
determination of the relative Young’s modulus, force curves were extracted from force volumes
and processed with the indentation feature of the Nanoscope analysis software. We applied the
classical Hertz model to fit the force curves :

F (δ) =
4

3

E

1− ν2
√
Rδ3/2

where E is the relative Young’s modulus, ν is the Poisson ratio of the sample (0.3 for our
samples), R is the nominal radius of the tip. Curves where the Hertz model fit with a r2 < 0.9
were discarded from the analysis.

AFM relaxation experiments

In order to perform relaxation experiments by AFM, we prepared colloidal probes in order
to increase the diameter of the area probed. Single silica microbeads of 7.75 µm diameter
(Cospheric) were immobilized at the extremity of MLCT-F tipless cantilevers, with similar
spring constants as the pyramidal MLCT-F probes, using UV-curable glue (NOA 63, Norland
Edmund Optics) and a Bioscope Resolve AFM coupled to a Zeiss Axio Observer inverted
microscope. Each relaxation experiment was performed as follows : the cantilever was engaged
on the surface of the gel at an approach speed of 10 µm/s until reaching a force setpoint of
25 nN, then the z height was kept constant for 60 seconds while measuring the mechanical
response of the gel through the evolution of cantilever deflection as a function of time. This
ramp script was applied to several areas of each gel in order to check the reproducibility of our
measurements, as well as the homogeneity of the gels. Regular force curves were acquired with
10 µm/s approach speed and 25 nN setpoint in order to check the indentation depth reached
during our relaxation experiments. Indentation reached at most 200 nm.

Cell culture

Bone marrow hMSCs were thawed and cultured in MSCs growth medium 2 (MSC-GM2),
in a humidified atmosphere containing 5% CO2 at 37◦C as recommended by the supplier. They
were subcultured twice a week using trypsin/EDTA 1x detachment and used at passage 4. For
differentiation experiments, hMSCs were seeded at a density of 3,000 cells/cm2 in α-MEM
medium on glass slides or on functionalized hydrogels previously sterilized with 70% ethanol
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for 48 hours. All cell seedings were carried out without any serum for the first 4 h of culture.
This enabled the interaction of cells with the surface conjugated biomolecules and not with
adsorbed serum proteins. After 4 h, the culture medium was supplemented with 10% FBS.
After 24 h, the medium was replaced by MSC Osteogenic Differentiation medium supplemented
with 0.1% penicillin/streptomycin. The cells were then cultured for 2 weeks and the Osteogenic
Differentiation medium was changed twice a week. Human osteoblasts (HOB) were thawed and
cultured in Osteoblast growth medium in a humidified atmosphere containing 5% CO2 at 37◦C.
They were subcultured once a week using trypsin/EDTA 1x detachment and used at passage
4. Osteoblasts were seeded at a density of 20,000 cells/cm2 in Osteoblast Growth Medium on
glass slides previously sterilized with 70% ethanol overnight.

Evaluation of the cell spread area

After 24 hours of cell culture, the cells on the different hydrogels were fixed in 4%
paraformaldehyde at 4◦C for 20 min, permeabilized with 0.5% Triton X-100 in PBS for 15
min at 4◦C, and blocked with 1% Bovine Serum Albumin (BSA) in PBS for 30 min at
37◦C. Subsequently, cells were incubated with Alexa fluor 488 phalloidin (1 :40 dilution)
or Alexa fluor 568 phalloidin (1 :40 dilution) for 1 h at 37◦C in order to visualize the cell
cytoskeleton. After the fluorescent staining, single cells were examined using a Leica DM5500B
epifluorescence microscope (Leica Biosystems) equipped with a CoolSnap HQ camera and
controlled by Metamorph 7.6 software (magnification 40x). The cell area was then quantified
using ImageJ software by automatic detection of the cell cytoskeleton and measurement of the
area. The data were obtained from two identical experiments, with two samples per hydrogel
formulation for each experiment, and 25 to 50 cells analyzed per sample.

Lineage-specific differentiation assays

The extent of hMSCs osteogenic differentiation was evaluated using specific markers of
osteoblasts (Runx-2, Osteopontin (OPN)) and osteocytes (Podoplanin (E11), Dentin matrix
acidic phosphoprotein 1 (DMP1), and Sclerostin (SOST)). The expression of Runx-2, OPN,
E11, DMP1, and SOST was assessed by immunofluorescence staining after 24 hours or 2
weeks of cell differentiation. Cells were fixed in 4% paraformaldehyde at 4◦C for 20 min,
permeabilized with 0.5% Triton X-100 in PBS for 15 min at 4◦C, and blocked with 1% Bovine
Serum Albumin (BSA) in PBS for 30 min at 37◦C. Subsequently, cells were incubated with
the primary antibodies for 1 h at 37◦C : Rabbit monoclonal anti-Runx-2 (1 :1600 dilution),
Mouse monoclonal anti-OPN (1 :200 dilution), Mouse monoclonal anti-E11 (2 µg/mL), Rabbit
monoclonal anti-DMP1 (1 :250 dilution), and Rabbit monoclonal anti-Sclerostin (5 µg/mL).
Cells were washed in PBS containing 0.05% Tween 20, before and after incubation with
the secondary antibodies, Alexa Fluor 488 goat anti-rabbit IgG (H+L) and Alexa Fluor 647
goat anti-mouse IgG (H+L) (1 :400 dilution) for 1 h at 37◦C. The cell morphology and
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cytoskeleton organization were evaluated by labeling filamentous actin (F-actin) with Alexa
Fluor 488 phalloidin or Alexa Fluor 568 phalloidin (Invitrogen, France) (1 :40 dilution) for 1 h
at 37◦C. Samples were then stained for nuclei using FluoroshieldTM with Dapi. Fluorescently
stained cells were examined using a Leica DM5500B epifluorescence microscope (Leica
Biosystems) equipped with a CoolSnap HQ camera and controlled by Metamorph 7.6 software
(magnification 40x). The expression of the differentiation markers was quantified using ImageJ
software by measuring the fluorescence intensity on 40 to 50 cells per sample, with two samples
per condition. The expression of Runx-2 and osteopontin was measured in the nucleus, while
the expression of E11, DMP1, and sclerostin was measured in the whole cell. After quantifying
the expression of the differentiation markers by measuring the fluorescence intensity in the cells,
a frequency distribution has been calculated using GraphPad Prism version 7 for Windows, in
order to display the number of observations within a given interval of fluorescence intensities for
the different hydrogel formulations (Supplementary Figures 6.16 to 6.25). The cell morphology
has been observed from two identical experiments, with two samples per hydrogel formulation
for each experiment, except for the hydrogel 60 kPa-15% for which the cell morphology has
been observed from four identical experiments, with two samples per hydrogel formulation for
each experiment.

Statistical analysis

Data are expressed as the mean ± standard deviation (SD). For the data of hydrogels
mechanical properties, peptide surface density, cell spread area, and expression of
differentiation markers, the statistical analysis was performed by one-way analysis of variance
(ANOVA) and Tukey’s test for multiple comparisons using GraphPad Prism version 7 for
Windows. Significant differences were determined for P values ≤ 0.05 (* represents P < 0.05,
** P < 0.01, *** P < 0.001, and **** P < 0.0001).
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6.7 Supplementary information

FIGURE 6.9 – a) AFM images of the surface topography on different hydrogel formulations.
Scale bar = 8 µm. b)AFM indentation map on a 40 µm x 40 µm area of five polyacrylamide
based hydrogels with varying formulation. The color bar represents the elastic modulus
(Young’s modulus). The surface topography is similar between the different hydrogel
formulations. The surface elastic modulus is highly homogeneous for all the hydrogel
formulations. (bis = bis-acrylamide, i.e., the crosslinker, AA = acrylic acid)

FIGURE 6.10 – a) AFM images of the surface topography on different hydrogel formulations
after surface functionalization with a BMP-2 mimetic peptide. Scale bar = 8 µm. b) AFM
indentation map on a 40 µm x 40 µm area of five polyacrylamide based hydrogels with varying
formulation after surface functionalization with a BMP-2 mimetic peptide. The color bar
represents the elastic modulus (Young’s modulus). The surface topography is similar between
the different hydrogel formulations. The surface elastic modulus is highly homogeneous for all
the hydrogel formulations. In addition, the surface roughness (arithmetic mean roughness Ra)
of the hydrogels after the functionalization has been evaluated between 2.1 ± 0.5 nm and 3.4
± 0.6 nm. Therefore, the roughness of the functionalized hydrogels is similar, which excludes
that differences in cell behavior on the different hydrogels could be attributed to differences in
surface roughness. (bis = bis-acrylamide, i.e., the crosslinker, AA = acrylic acid)
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FIGURE 6.11 – a) Fluorescence intensity of hydrogels functionalized with a fluorescently
labelled BMP-2 peptide with Sulfo-SANPAH activation (red) or without activation (grey) after
5 days of rinsing. The fluorescence intensity of the hydrogels activated with Sulfo-SANPAH is
approximately ten times higher than the fluorescence intensity of the non-activated hydrogels.
b) Standard curve of the total fluorescent intensity as a function of the amount of fluorescently
labelled BMP-2 peptide. There is a linear relationship between the fluorescence intensity and
the amount of BMP-2-TAMRA peptide. This enables to estimate the density of peptide on the
hydrogels. (bis = bis-acrylamide, i.e., the crosslinker, AA = acrylic acid)

FIGURE 6.12 – Fluorescence intensity of a) hydrogels functionalized with a fluorescently
labelled BMP-2 peptide with Sulfo-SANPAH activation or b) without activation, as a function
of the number of days of rinsing. The fluorescence intensity is stable after 5 days of rinsing
and remains stable up to at least 15 days of rinsing. The fluorescence intensity of the hydrogels
activated with Sulfo-SANPAH is higher than the fluorescence intensity of the non-activated
hydrogels. (bis = bis-acrylamide, i.e., the crosslinker, AA = acrylic acid)
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FIGURE 6.13 – Statistical analysis of the virgin hydrogels mechanical properties a) elastic
modulus and b) stress relaxation measured using unconfined compression, c) elastic modulus
measured using AFM. The statistical analysis was done by one-way analysis of variance
(ANOVA) and Tukey’s test for multiple comparisons. Grey boxes represent the absence of
statistic difference. P values are represented as following * ≤ 0.05, ** ≤ 0.01, *** ≤ 0.001,
**** ≤ 0.0001.)
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FIGURE 6.14 – Statistical analysis of several differentiation markers a) Runx-2, b) Osteopontin,
c) E11, d) DMP1, and e) Sclerostin, after 24 hours. The statistical analysis was done by one-way
analysis of variance (ANOVA) and Tukey’s test for multiple comparisons. Grey boxes represent
the absence of statistic difference. P values are represented as following * ≤ 0.05, ** ≤ 0.01,
*** ≤ 0.001, **** ≤ 0.0001.)
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FIGURE 6.15 – Statistical analysis of several differentiation markers a) Runx-2, b) Osteopontin,
c) E11, d) DMP1, and e) Sclerostin, after 2 weeks. The statistical analysis was done by one-way
analysis of variance (ANOVA) and Tukey’s test for multiple comparisons. Grey boxes represent
the absence of statistic difference. P values are represented as following * ≤ 0.05, ** ≤ 0.01,
*** ≤ 0.001, **** ≤ 0.0001.)
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Runx-2 - 24h

FIGURE 6.16 – Class distribution of the immunofluorescence expression of Runx-2 after
24 hours for MSCs and osteoblasts cultured on glass (controls), and for MSCs cultured
on poly(acrylamide-co-acrylic acid) hydrogels with varying mechanical properties. (n=2)
Considering these distributions, the conditions can be ranked from the strongest expression
to the lowest : osteoblasts > 140 kPa-70% > 100 kPa-30% > 15 kPa-15% = 60 kPa-15% > 140
kPa-15% > MSCs on glass.
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Osteopontin - 24h

FIGURE 6.17 – Class distribution of the immunofluorescence expression of osteopontin after
24 hours for MSCs and osteoblasts cultured on glass (controls), and for MSCs cultured
on poly(acrylamide-co-acrylic acid) hydrogels with varying mechanical properties. (n=2)
Considering these distributions, the conditions can be ranked from the strongest expression
to the lowest : 60 kPa-15% = 140 kPa-15% > 100 kPa-30% > 140 kPa-70% > osteoblasts > 15
kPa-15% > MSCs on glass.

169



E11 - 24h

FIGURE 6.18 – Class distribution of the immunofluorescence expression of E11 after
24 hours for MSCs and osteoblasts cultured on glass (controls), and for MSCs cultured
on poly(acrylamide-co-acrylic acid) hydrogels with varying mechanical properties. (n=2)
Considering these distributions, the conditions can be ranked from the strongest expression
to the lowest : 100 kPa-30% > 60 kPa-15% = 140 kPa-70% > 15 kPa-15% > 140 kPa-15% >
MSCs on glass > osteoblasts.
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DMP1 - 24h

FIGURE 6.19 – Class distribution of the immunofluorescence expression of DMP1 after
24 hours for MSCs and osteoblasts cultured on glass (controls), and for MSCs cultured
on poly(acrylamide-co-acrylic acid) hydrogels with varying mechanical properties. (n=2)
Considering these distributions, the conditions can be ranked from the strongest expression
to the lowest : 140 kPa-70% > 100 kPa-30% > 60 kPa-15% > 15 kPa-15% = osteoblasts > 140
kPa-15% > MSCs on glass.
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Sclerostin - 24h

FIGURE 6.20 – Class distribution of the immunofluorescence expression of sclerostin after
24 hours for MSCs and osteoblasts cultured on glass (controls), and for MSCs cultured
on poly(acrylamide-co-acrylic acid) hydrogels with varying mechanical properties. (n=2)
Considering these distributions, the conditions can be ranked from the strongest expression
to the lowest : 140 kPa-70% = 100 kPa-30% > 60 kPa-15% > 15 kPa-15% > 140 kPa-15% >
osteoblasts > MSCs on glass.
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Runx-2 - 2 weeks

FIGURE 6.21 – Class distribution of the immunofluorescence expression of Runx-2 after
2 weeks for MSCs and osteoblasts cultured on glass (controls), and for MSCs cultured
on poly(acrylamide-co-acrylic acid) hydrogels with varying mechanical properties. (n=2)
Considering these distributions, the conditions can be ranked from the strongest expression
to the lowest : 100 kPa-30% > 140 kPa-70% > 140 kPa-15% > 15 kPa-15% > 60 kPa-15% >
MSCs on glass > osteoblasts.
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Osteopontin - 2 weeks

FIGURE 6.22 – Class distribution of the immunofluorescence expression of OPN after
2 weeks for MSCs and osteoblasts cultured on glass (controls), and for MSCs cultured
on poly(acrylamide-co-acrylic acid) hydrogels with varying mechanical properties. (n=2)
Considering these distributions, the conditions can be ranked from the strongest expression
to the lowest : 100 kPa-30% > 140 kPa-15% > 140 kPa-70% > 60 kPa-15% > 15 kPa-15% >
osteoblasts > MSCs on glass.
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E11 - 2 weeks

FIGURE 6.23 – Class distribution of the immunofluorescence expression of E11 after 2
weeks for MSCs and osteoblasts cultured on glass (controls), and for MSCs cultured
on poly(acrylamide-co-acrylic acid) hydrogels with varying mechanical properties. (n=2)
Considering these distributions, the conditions can be ranked from the strongest expression
to the lowest : 140 kPa-70% > 100 kPa-30% > 15 kPa-15% > 60 kPa-15% > 140 kPa-15% >
MSCs on glass > osteoblasts.
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DMP1 - 2 weeks

FIGURE 6.24 – Class distribution of the immunofluorescence expression of DMP1 after
2 weeks for MSCs and osteoblasts cultured on glass (controls), and for MSCs cultured
on poly(acrylamide-co-acrylic acid) hydrogels with varying mechanical properties. (n=2)
Considering these distributions, the conditions can be ranked from the strongest expression
to the lowest : 140 kPa-70% > 60 kPa-15% > 100 kPa-30% > 15 kPa-15% > 140 kPa-15% >
MSCs on glass > osteoblasts.
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Sclerostin - 2 weeks

FIGURE 6.25 – Class distribution of the immunofluorescence expression of sclerostin after
2 weeks for MSCs and osteoblasts cultured on glass (controls), and for MSCs cultured
on poly(acrylamide-co-acrylic acid) hydrogels with varying mechanical properties. (n=2)
Considering these distributions, the conditions can be ranked from the strongest expression
to the lowest : 140 kPa-70% > 60 kPa-15% > 100 kPa-30% > 15 kPa-15% > 140 kPa-15% >
osteoblasts > MSCs on glass.
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Chapter 7

Supplementary studies

This chapter presents experiments that have been conducted during the PhD but that have not
been published. The first section describes the evaluation of hydrogels cytotoxicity to ensure that
there were no residues of toxic unreacted monomers or ethanol, used for hydrogels sterilization,
that could release during cell culture. The second section presents the functionalization of
hydrogels with type I collagen in order to compare MSCs differentiation in response to the
BMP-2 mimetic peptide or collagen.

7.1 Evaluation of hydrogels cytotoxicity

As mentioned in the chapter 2, one disadvantage of polyacrylamide based hydrogels is the
toxicity of the monomers which prevents their use to encapsulate cells in 3D and which might
cause cytotoxicty issues if unreacted monomers are trapped in the gel and are released during
cell culture. To prevent this effect, the hydrogels are left to swell in PBS for one week after their
synthesis to enable the release of the unreacted monomers, initiator, and catalyst.

In addition, prior to any cell culture experiment, the hydrogels need to be sterilized.
The different methods that can be used to sterilize hydrogels, as well as their advantages
and drawbacks, are presented in Table 7.1. Various methods are effective against many
different micro-organisms, such as bacteria, molds, yeasts, and viruses. These methods include
sterilization by dry heat, steam heat, gamma irradiation, ethylene oxide, and peracetic acid.
However, these methods often result in significant damage of the polymer chains and might
leave toxic residues within the hydrogel.[374, 375] Besides causing polymer crosslinking or
degradation, sterilization with plasma leaves reactive species within the scaffolds even long after
sterilization, resulting in potential side effects if the residual reactive species are not properly
removed before in vitro or in vivo studies.[374, 375] The penetration depth of electron beam
irradiation or UV irradiation might be increased by increasing the intensity and the time of
irradiation respectively, but this can lead to further polymer damage.[374] Although the ability
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of ethanol disinfection to eliminate all types of pathogenic components might be a concern for
in vivo studies[374, 375, 376], its bactericidal and fungicidal potential is generally sufficient for
in vitro studies.[375] In addition, ethanol sterilization presents many advantages as it is fast and
simple, it does not require any particular installation, it is performed at low temperature and with
low cost[374, 375], which is why this method has been selected in this project. Nevertheless,
the side effects of ethanol on hydrogels properties remain controversial in the literature.[374]

Sterilization
Mode of action Advantages Drawbacks

method

Oxidation of cell
Effective, fast, simple,

Melting, degradation
Dry Heat

components
no toxic residues,

of the polymer
high penetration

Denaturation of Effective, fast, simple,
Hydrolytic degradation

Steam Heat enzymes and no toxic residues,
of the polymer

structural proteins high penetration

Gamma Scission of DNA
Effective, no toxic residues, Expensive, polymer

irradiation and RNA strands
high penetration, chain scission or
low temperature crosslinking

Electron
Scission of DNA Fast, no toxic residues,

Polymer chain scission
beam

and RNA strands low temperature
or crosslinking, low

irradiation penetration

UV
Damages DNA and

Fast, low temperature, low
Not effective, polymer

irradiation
prevents DNA

cost, no toxic residues
and biomolecules

replication damage

Oxidation that
Fast, low temperature,

Plasma damages proteins
improve cell-material Leave reactive species,

and nucleic acids
interaction due to polymer damage

surface modification

Ethylene Alkylation of
Effective, low temperature

Toxic residues, explosive,
oxide cellular molecules flammable, carcinogenic

Peracetic Oxidation of
Effective, low temperature

Polymer and biomolecules
acid enzymes damage, acidic residues

Cell dehydration,
Fast, simple, low cost,

Limited efficiency,
Ethanol membranes

low temperature
potential material

disruption damage

TABLE 7.1 – Hydrogels sterilization methods with their advantages and drawbacks.[374, 375]
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Some of the above mentioned methods are used for the sterilization of healthcare products
and the sterilization process must follow a standard. For example, sterilization using gamma
radiation from Cobalt-60 requires an irradiation dose of 25 kGy to be validated by the
ISO-11137 standard. The sterilization with ethylene oxide, moist heat, and dry heat are
described by the ISO standards 11135, 17665, and 20857, respectively. Finally, although
UV irradiation, and ethanol sterilization are commonly used for the sterilization of materials
for in vitro studies, these methods are not suitable for the sterilization of materials that are
implanted in vivo because of their limited efficiency and their potential to cause degradation
of the materials. Considering that ethanol sterilization may leave ethanol residues within the
hydrogels, hydrogels cytotoxicity has been evaluated at the beginning of the project to ensure
that there were no residues of toxic unreacted monomers or ethanol that could be released during
cell culture and damage the cells.

7.1.1 Methods

Preparation of the cells Human bone marrow MSCs (PromoCell, Germany) were cultured
in Mesenchymal Stem Cell Growth Medium 2 (PromoCell) and incubated in a humidified
atmosphere containing 5% CO2 at 37◦C. All cells were used at passage number 5, were
subconfluently cultured, and were seeded at 6,000 cells/cm2 in a 48 well-plate. Cells were grown
to 80% confluency in the 48 well-plate before initiating the assay.

Preparation of the extract tests Following ISO standards 10993-5 and 10993-12, that
deal with the in vitro evaluation of materials toxicity, extract tests have been performed to
evaluate whether there was a cytotoxic response to the materials. The extract test evaluates the
cytotoxicity of any leachable by-products from the material.
Cells cultured under normal, or blank, conditions and without any material were used as
negative control. A solution of culture medium containing 64 g/L of phenol was used as a
cytotoxic (positive) control. Two hydrogels were selected for this study (0.24% crosslinker -
0% acrylic acid and 0.36% crosslinker - 18% acrylic acid) and functionalized with the BMP-2
peptide following the procedure described in chapter 5. After five days of rinsing, the hydrogels
were sterilized in ethanol 70% for 2.5 hours. Then, the ethanol was changed and the gels were
left to sterilize overnight. After sterilization, the gels were rinsed in PBS three times for 10
minutes (Figure 7.1a) or three times for 1 hour (Figure 7.1b). The gels were then incubated in
Mesenchymal Stem Cell Growth Medium 2 culture medium at a concentration of 5 cm2/ml at
37◦C for 72 hours, as indicated by the ISO standard 10993-5.
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Extract tests After 72 hours, the culture medium of the cells in the 48 well-plate was removed
and replaced with the extract medium (medium in contact with the gels). Cells were incubated
with the extract medium at 37◦C and 5% CO2 for 24 hours before cytotoxic evaluation with 2,3-
bis-(2-methoxy-4-nitro-5-sulfophenyl)-2H-tetrazolium-5-carboxanilide (XTT) cell metabolic
activity assay. The cytotoxic control was performed in a separate well-plate to avoid phenol
evaporation and interaction with the cells in the surrounding wells. For this cytotoxic control,
the culture medium was removed and replaced by culture medium containing 64 g/L of phenol
for 24 hours.

Evaluation of cell metabolic activity The Cell Proliferation Kit II (XTT; Roche, Mannheim,
Germany) was used to quantitatively evaluate the cell metabolic activity. XTT was used
according to the manufacturer’s protocols. The electron coupling and XTT labeling reagents
were thawed and immediately combined in a 1 :50 µl ratio. Then the XTT solution was added
to the cell culture wells, 250 µl for a 48 well-plate. After 18 hours of incubation, absorbance
was measured at 450 and 630 nm at 37◦C with a ELx808 Absorbance Microplate Reader
(BioTek Instruments). Net absorbance was calculated (A450 - A630) for each sample of the
five biological replicates. The relative cell metabolic activity was normalized to the mean of the
blank culture media.
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7.1.2 Results

Figure 7.1a shows that the cell metabolic activity of the cells in contact with the extract
medium was below the limitation for acceptable cytotoxicity (dashed line) and was much lower
than that of cells in the fresh culture medium (blank), indicating a cytotoxicity of the gels. It has
been hypothesized that washing the gels three times for 10 minutes after ethanol sterilization
was not sufficient to remove the ethanol from the gels. Figure 7.1b clearly demonstrates the
non-alteration of the cell metabolic activity when the cells were cultured in extracts issued from
the two hydrogels rinsed three times for 1 hour, while the cell metabolic activity dropped to
around 10% with the cytotoxic control (phenol). Although the evaluation of the cell metabolic
activity might be controversial to assess cytotoxicity effects, as it does not consider the number
of dead or living cells, we were able to see an effect of the rinsing time after ethanol sterilization
on cell metabolic activity. Therefore, it can be concluded that with three washes for 1 hour after
sterilization, there was no leaching of toxic compounds from the hydrogels, such as unreacted
monomers or ethanol.

FIGURE 7.1 – Cell metabolic activity for human mesenchymal stem cells cultured with extracts
collected from two hydrogels functionalized with a BMP-2 mimetic peptide and sterilized with
ethanol 70%. a) The hydrogels were rinsed in PBS three times for 10 minutes after ethanol
sterilization. The cell metabolic activity of the cells in contact with the extract medium is
higher than the cytotoxic control (phenol) but lower than the fresh culture medium (blank).
b) The hydrogels were rinsed in PBS three times for 1 hour after ethanol sterilization. No
difference was found between the culture medium (blank) and the extracts of the gels. A
statistical difference was found between phenol and all other groups. The dashed line represents
the ISO 10993-5 limitation for acceptable cytotoxicity. (**** p < 0.0001).
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7.2 Hydrogels functionalization with type I collagen

As mentioned in chapter 4, type I collagen has been highly used for the functionalization of
polyacrylamide hydrogels to enable cell adhesion in studies assessing the impact of hydrogels
mechanical properties on MSCs differentiation. [52, 55, 56, 57, 58, 61, 63, 69, 231] Therefore, it
might be interesting to study MSCs osteogenic differentiation in response to hydrogels stiffness
and stress relaxation on hydrogels functionalized with type I collagen. This would allow to
compare the results with the literature and to assess the impact of hydrogels biofunctionalization
on MSCs osteogenic differentiation (type I collagen versus BMP-2 mimetic peptide). In
addition, it would be particularly interesting to see if the osteocyte-like cell shape could also
be obtained with a type I collagen coating. Consequently, preliminary experiments have been
conducted on hydrogels functionalization with type I collagen and on the response of MSCs to
hydrogels biofunctionalization.

NB : The parts in transparency are not covered in this chapter.
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7.2.1 Methods

Collagen grafting Type I collagen has been conjugated to the hydrogels similar to the peptide.
Briefly, 200 µL of a 1 mmol.L−1 solution of Sulfo-SANPAH in HEPES buffer (50 mmol.L−1,
pH 8.5) were pipetted onto the gel surface in a 48-well plate which was placed under ultraviolet
light (365 nm) in a UV chamber (Uvitec, UK). The gels were exposed to UV light for 30 min
and rinsed with 500 µL HEPES for each side of the gel disks. The gels were then incubated
with a solution of type I collagen (0.05 mg/mL) in 50 mM HEPES overnight at 4◦C. The gels
were then rinsed in 5 mL HEPES for one week, with changing the rinsing solution twice a day.

Evaluation of collagen grafting on the hydrogels Hydrogels functionalization with
type I collagen was evaluated using immunofluorescence. Following previously described
protocols[63, 231], the gels were washed with PBS and blocked with 1% Bovine Serum
Albumin (BSA) for 30 minutes and then incubated with mouse monoclonal anti-collagen I
(1 :1000 ; Novus Biologicals) for 1 hour at 37◦C. After washing with PBS containing 0.05%
Tween 20, the gels were incubated with the secondary antibody Alexa Fluor 488 goat anti-
mouse IgG (1 :400 ; Invitrogen) for 1 hour at 37◦C. A Leica SP8 confocal microscope was
used to confirm a uniform grafting on the surface of the gel and to observe the repartition of
collagen in the thickness of the gel. Images were collected with identical microscope and laser
settings for each sample (objective HC Plan Fluotar 10x NA 0.3, 4096 x 4096, 16 bits per pixel).
Z-stacks were created over 700 µm with a slice-thickness of 4.29 µm.

Calibration curve to evaluate collagen surface density A series of droplets of type I
collagen were deposited on a nitrocellulose membrane with calibrated concentrations (from
0.2 mg/ml to 0.01 mg/ml). Subsequently, a western blot protocol has been followed for the
immunostaining of the collagen drops. The membrane was blocked with 5% BSA in TBST
(Tris-Buffered Saline-Tween) for 1 hour at room temperature, and then incubated with mouse
monoclonal anti-collagen I (1 :1000 ; Novus Biologicals) for 1 hour at room temperature. After
washing three times with TBST, the membrane was incubated with the secondary antibody
Alexa Fluor 488 goat anti-mouse IgG (1 :400 ; Invitrogen) for 1 hour at room temperature.
Finally, the membrane was washed three times with TBST and left to dry. The drops on the
membrane were then imaged under identical conditions than the hydrogels in order to obtain a
calibration curve of the fluorescence intensity as a function of collagen quantity, which was then
used to measure the collagen density on the hydrogels. Image J software was used to quantify
the relative fluorescent intensity of the grafted molecules as a function of hydrogels mechanical
properties.

Cell culture on hydrogels functionalized with collagen or the BMP-2 peptide Bone
marrow hMSCs were thawed and cultured in MSCs growth medium 2 (MSC-GM2), in a
humidified atmosphere containing 5% CO2 at 37◦C as recommended by the supplier. They
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were subcultured twice a week using trypsin/EDTA 1x detachment and used at passage 4.
For differentiation experiments, hMSCs were seeded at a density of 10,000 cells/cm2 in α-
MEM medium on functionalized hydrogels (collagen 0.05 mg/mL or BMP-2 peptide 10−3

M) previously sterilized with 70% ethanol overnight. All cell seedings were carried out
without any serum for the first 4 h of culture. This enabled the interaction of cells with
the surface conjugated biomolecules and not with adsorbed serum proteins. After 4 h, the
culture medium was supplemented with 10% FBS. After 24 h, the medium was replaced by
MSC Osteogenic Differentiation medium. The cells were then cultured for 2 weeks and the
Osteogenic Differentiation medium was changed twice a week.

Lineage-specific differentiation assays The extent of hMSCs osteogenic differentiation
was evaluated using specific markers of osteoblasts (Osteopontin (OPN)) and osteocytes
(Podoplanin (E11), Dentin matrix acidic phosphoprotein 1 (DMP-1) and Sclerostin (SOST)).
The expression of OPN, E11, DMP-1 and SOST was assessed by immunocytochemistry
staining after 2 weeks of cell differentiation. Cells were fixed in 4% paraformaldehyde at 4◦C
for 20 min, permeabilized with 0.5% Triton X-100 in PBS for 15 min at 4◦C and blocked
with 1% Bovine Serum Albumin (BSA) in PBS for 30 min at 37 ◦C. Subsequently, cells were
incubated with the primary antibodies for 1 h at 37◦C. Cells were washed in PBS containing
0.05% Tween 20, before and after incubation with the secondary antibodies, Alexa Fluor 488
goat anti-rabbit IgG (H+L) and Alexa Fluor 647 goat anti-mouse IgG (H+L) (1 :400 dilution)
for 1 h at 37 ◦C. The cell morphology and cytoskeleton organization were evaluated by labeling
filamentous actin (F-actin) with Alexa Fluor 488 phalloidin (Invitrogen, France) (1 :40 dilution)
for 1 h at 37 ◦C. Samples were then stained for nuclei using FluoroshieldTM with Dapi.
Fluorescently stained cells were examined using a Leica DM5500B epifluorescence microscope
(Leica Biosystems) equipped with a CoolSnap HQ camera and controlled by Metamorph 7.6
software. The expression of the differentiation markers was quantified using ImageJ software
by measuring the fluorescence intensity on 20 to 30 cells per sample, with two samples per
condition.
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7.2.2 Results

Collagen grafting Figure 7.2a shows that there is a linear relationship between the
fluorescence intensity and the amount of collagen. This shows that the method that has been
developed in this project, which consists in depositing droplets of type I collagen with known
concentrations on a western blot nitrocellulose membrane and subsequently performing an
immunofluorescent staining of collagen on the membrane, is suitable to obtain the relationship
between the fluorescence intensity and the amount of collagen. This will enable to estimate the
density of collagen on the surface of the hydrogels. In parallel, the immunofluorescent staining
of collagen has been performed on different hydrogel samples, as shown in Figure 7.2b, in order
to validate the protocol and the specificity of the staining. Figure 7.2b shows that no fluorescence
is detected after the immunofluorescent staining of a virgin hydrogel (without collagen), while
a hydrogel with grafted collagen (after activation of the gel with Sulfo-SANPAH) shows a high
fluorescence intensity. Finally, a hydrogel with adsorbed collagen, so without any activation
of the gel, presents some spots of fluorescence, indicating that some collagen might remain
on the surface after rinsing of the hydrogel, but in a lesser amount compared to the activated
gel. These results confirm that the immunofluorescent staining that has been performed is
specific to collagen, and that the activation of the hydrogel with Sulfo-SANPAH leads to the
immobilization of collagen on the surface of the hydrogels.

FIGURE 7.2 – a) Standard curve of the total fluorescent intensity as a function of the amount
of collagen (after immunostaining). There is a linear relationship between the fluorescence
intensity and the amount of collagen. This enables to estimate the density of collagen on the
hydrogels. b) Epifluorescence microscopy images of the immunofluorescent staining of type I
collagen for a hydrogel without collagen, with adsorbed collagen (no activation of the gel), and
with grafted collagen (after activation of the gel with Sulfo-SANPAH). Scale bar = 100 µm.
The fluorescence intensity of the activated gel is higher than the non-activated gel, while no
fluorescence is detected for the virgin hydrogel.
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Figure 7.3a-d shows the presence of type I collagen (green), as visualized with
immunofluorescent staining for type I collagen bound to different polyacrylamide or
poly(acrylamide-co-acrylic acid) substrates. The collagen coating appears to be homogeneous
on zones of 350 x 350 µm. Semiquantification of fluorescence intensity from Figure 7.3e
shows no statistical difference between the different hydrogels, although the hydrogel with
0.03% crosslinker and 0% acrylic acid seems to show a less homogeneous coating and a
lower fluorescence intensity. These results are consistent with the literature as some studies
showed that there were no difference in the fluorescence intensity depending on polyacrylamide
hydrogels stiffness.[55, 63] Nevertheless, this preliminary study has been conducted on only one
sample of each hydrogel formulation to demonstrate the feasibility of the technique, and should
therefore be conducted on more samples.

FIGURE 7.3 – Immunofluorescent staining of type I collagen conjugated to the surface of
hydrogels. Confocal microscopy images of the surface of hydrogels coated with type I collagen.
Hydrogel with a) 0.03% crosslinker - 0% acrylic acid, b) 0.24% crosslinker - 0% acrylic acid,
c) 0.48% crosslinker - 0% acrylic acid, and d) 0.36% crosslinker - 18% acrylic acid. Scale bar
= 50 µm. e) Fluorescence intensity measured on four different zones of each hydrogel. bis =
N,N’-methylene-bis-acrylamide, AA = acrylic acid.
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Finally, Figure 7.4, that presents cross-sectional images of a hydrogel functionalized with
the BMP-2 mimetic peptide (Figure 7.4a) or with collagen (Figure 7.4b), shows that the
biomolecules are located on the surface of the gel. This result is consistent with the literature, as
the functionalization protocol used has already been shown to functionalize only the surface of
polyacrylamide gels.[69] By using the calibration curve presented in Figure 7.2 and following
the same method than for the BMP-2 peptide (presented in chapter 6), the density of collagen on
the surface of the hydrogels has been estimated around 1.5± 0.7 µg.cm−2, or 8± 3 pmol.cm−2

(5 molecules per µm2). Given the information provided by the supplier of the collagen (Sigma),
a molecular weight of 175,000 g/mol has been considered for the estimation of the collagen
surface density. The collagen density found on the hydrogels (1.5 ± 0.7 µg.cm−2) is consistent
with the data provided by the supplier which indicates a surface coverage of 6 to 10 µg.cm−2 on
plastic culture plates. Finally, the estimated collagen surface density (8± 3 pmol.cm−2) is lower
than the estimated BMP-2 peptide surface density (chapter 6) that was comprised between 1.5±
0.7 and 2.0 ± 0.5 pmol.mm−2. This is probably due to the significantly higher size of collagen
(175.000 g/mol) compared to the BMP-2 peptide (2.500 g/mol). Using similar protocols for
collagen and fibronectin grafting on polyacrylamide hydrogels, Engler et al. reported a collagen
density between 0.25 and 1 µg.cm−2[52], while Sun et al. obtained a fibronectin density of 1
µg.cm−2[232], which is consistent with our estimated density.

FIGURE 7.4 – Confocal microscopy images of the cross-sectional view of a hydrogel
functionalized with a) a fluorescent BMP-2-TAMRA mimetic peptide or with b) type I collagen
with subsequent immunofluorescent staining. Scale bar = 50 µm. The biomolecules are located
at the surface of the gel.

Preliminary cell culture experiment As a preliminary study, one hydrogel has been selected,
with a stiffness of 80 kPa and a relaxation of 40%, and has been functionalized with either the
BMP-2 mimetic peptide (10−3 M) or with type I collagen (0.05 mg/mL). Then, hMSCs have
been cultured on these hydrogels for two weeks in Osteogenic Differentiation medium to study
the impact of hydrogel biofunctionalization on MSCs osteogenic differentiation. The cells have
been stained with phalloidin to visualize cell cytoskeleton. Figure 7.5 shows that the cells on
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tissue culture polystyrene (Figure 7.5a) and on a gel functionalized with the BMP-2 peptide
(Figure 7.5b) are very similar. They are highly spread and present a cuboidal morphology
similar to osteoblasts.[23, 98, 99] While the cells on the hydrogel functionalized with collagen
(Figure 7.5c) seem to be smaller and more elongated. In addition, the cells are confluent for the
BMP-2 functionalization, while they are not confluent for the collagen functionalization.

FIGURE 7.5 – Epifluorescence microscopy images of cytoskeleton and cell morphology in
response to hydrogels biofunctionalization. Phalloidin staining of the cytoskeletal fibers of
human bone marrow MSCs cultured for two weeks in Osteogenic Differentiation medium on a)
tissue culture polystyrene, or on a poly(acrylamide-co-acrylic acid) hydrogel with a stiffness of
80 kPa and a relaxation of 40% functionalized with b) a BMP-2 mimetic peptide, or c) type I
collagen. Nucleus in blue. Magnification 10x. Scale bar = 100 µm.

Considering the immunofluorescence labelling of four differentiation markers, osteopontin
(OPN) expressed by both osteoblasts and osteocytes[329, 333], E11 and DMP1 expressed
by early osteocytes[5], and sclerostin (SOST) expressed by late osteocytes[5], it can be seen
on Figure 7.6 that the expression of these markers is dramatically higher when the gel is
functionalized with the BMP-2 peptide as compared to collagen. These results are consistent
with the studies conducted by previous students that demonstrated that MSCs osteogenic
differentiation was higher for surfaces functionalized with the BMP-2 mimetic peptide as
compared to a cell adhesion peptide GRGDS.[84, 85] It can be noticed that, although the cells
are confluent on the surface of the hydrogels and do not present an osteocyte-like morphology,
the cells express osteocyte markers. This is consistent with the fact that osteoblasts have been
found to express E11, DMP1, and SOST, in the chapter 6. However, the results presented
in Figure 7.6 should be compared with controls, such as non differentiated MSCs, MSCs in
osteogenic culture medium, and osteoblasts. Nevertheless, these preliminary results clearly
show that the expression of OPN, E11, DMP1, and SOST is higher for hydrogels functionalized
with the BMP-2 mimetic peptide compared to type I collagen.
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FIGURE 7.6 – Osteogenic commitment of MSCs in response to hydrogels biofunctionalization.
Epifluorescence microscopy images of MSCs cultured on a poly(acrylamide-co-acrylic acid)
hydrogel with a stiffness of 80 kPa and a relaxation of 40% functionalized with (a, c, e, g) a
BMP-2 mimetic peptide, or (b, d, f, h) type I collagen. Cells were stained for (a, b) osteopontin,
(c, d) DMP-1, (e, f) E11, and (g, h) sclerostin. Nucleus in blue. Magnification 40x. Scale bar
= 25 µm. (i) Quantitative analysis of the immunofluorescence intensity of osteopontin (OPN),
DMP-1, E11, and sclerostin (SOST) in hMSCs cultured on hydrogels functionalized with a
BMP-2 mimetic peptide or with type I collagen. (n=2) The expression of all the markers is
dramatically higher for cells on the hydrogels functionalized with the BMP-2 mimetic peptide.
(**** P < 0.0001)

However, considering the difference in surface density which has been ascertained between
the BMP-2 peptide and collagen, it is difficult to determine whether the different expression
level of the osteogenic markers is related to the presence of different biomolecules, or to the
difference in biomolecules density, or both. Indeed, it is acknowledged that the biomolecules
density can affect cell spreading[377, 378] and differentiation[257, 263]. Moreover, comparing
the surface density bewteen the BMP-2 peptide and collagen is maybe not relevant as one
peptide molecule is carrying one bioactive sequence able to interact with the cells, while
one collagen molecule is carrying several bioactive sequences. In addition, collagen can carry
different bioactive sequences, including RGD, GFOGER, and DGEA[1, 279, 280], that could
lead to different interactions with the cells and might trigger different cellular responses. As
such, it might be interesting to compare the number of available bioactive sites on surfaces
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functionalized with the BMP-2 peptide or with collagen, instead of comparing the biolomecules
density. Finally, one peptide molecule is likely to form one covalent bond with sulfo-SANPAH
on the surface of the gels, while one collagen molecule is carrying several free amine groups
that are susceptible to react with Sulfo-SANPAH molecules on the surface of the gels. In other
words, one peptide molecule has one anchoring point to the matrix, while one collagen molecule
has multiple anchoring points to the matrix. It has been demonstrated by Trappmann et al.
that varying the number of anchoring points of collagen to the matrix modifies the way that
cells feel the mechanical properties of the underlying substrate.[55] Indeed, polyacrylamide
substrates of the same stiffness (20 kPa), but with collagen covalently attached using different
concentrations of sulfo-SANPAH, induced different responses in cells, with lower sulfo-
SANPAH concentration leading to cell behavior typically found on softer gels.[55] Therefore,
depending on the number of anchoring points of collagen to the matrix, the cells might feel
different mechanical properties between the hydrogels functionalized with the BMP-2 peptide
or with collagen. As a result, comparing the impact of two peptides with a similar molecular
weight and a similar surface density on cell behavior might be more appropriate than comparing
the effect of a peptide and a large protein. Nevertheless, the results presented here clearly
demonstrate the higher capacity of the peptide to direct MSCs osteogenic differentiation as
compared to collagen, and confirm that this peptide is a good candidate to accelerate MSCs
osteogenic differentiation.
For future experiments, it might also be interesting to evaluate the surface mechanical properties
of hydrogels functionalized with collagen by using AFM, as performed for the BMP-2 peptide
in chapter 6, to see if collagen could alter the surface stiffness and stress relaxation of hydrogels,
as it is a large molecule (around 175,000 g/mol), as compared to the BMP-2 peptide which is
much smaller (around 2,500 g/mol). In addition, considering that this preliminary experiment
has been conducted with a high initial cell seeding density of 10,000 cells/cm2, it would be
interesting to repeat the experiment with the same seeding density than in chapters 5 and 6
(3,000 cells/cm2) to see if osteocyte-like cells could be obtained for hydrogels functionalized
with collagen. Indeed, while it is mentioned in the chapter 2 that MSCs seeding density
might influence their differentiation into osteoblasts, this parameter might also alter their
differentiation into osteocytes. For example, it has been shown that the differentiation of
mouse pre-osteoblasts into osteocytes was favored for a low seeding density of 1,000 cells/cm2,
compared to a high seeding density of 10,000 cells/cm2.[332] To explain this result, it has been
hypothesized that a high seeding density allows cell communication by direct contact, while
a low seeding density restricts cell communication and drives the cells to develop dentrites to
communicate, which favors a differentiation into osteocytes.[332]
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Conclusions and perspectives

This PhD work aims at identifying some promising material surface properties, such as
surface mechanical properties and surface functionalization, for the control of mesenchymal
stem cells osteogenic differentiation, in order to provide some tools for the design of effective
materials to promote bone regeneration. The innovative aspect of this work is based on
three main points : the design of hydrogels with controlled viscoelastic properties and the
evaluation of the impact of these viscoelastic properties on MSCs osteogenic differentiation, the
measurement of hydrogels mechanical properties at different length scales using compression
and AFM, and the combination of the BMP-2 mimetic peptide to hydrogels that better mimic
the natural cell growth environment than the materials previoulsy used in the team.

FIGURE 7.7 – Scheme describing the main objectives of the PhD project.
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Regarding the design of hydrogels with controlled mechanical
properties :

As previously mentioned, polyacrylamide based hydrogels have been chosen for this
project considering their ease of synthesis and their highly tunable stiffness.[35, 36] Then,
acrylamide has been combined to acrylic acid to create copolymer hydrogels with distinct
viscoelastic properties. Indeed, it has been shown that associating acrylic acid to acrylamide to
create copolymer hydrogels was a relatively easy way to provide hydrogels with different and
controlled viscoelastic responses, to further study their impact on cell behavior. Nevertheless,
these hydrogels also present some limitations, such as the lack of cell adhesion moieties, the
covalent crosslinking that leads to hydrogels that remain highly elastic, and the inability to
grow the cells in 3 dimensions.

The problem of the lack of cell adhesion moieties can be solved by functionalizing the
surface of the hydrogel with varying biomolecules, including peptides and proteins, although it
might affect the surface properties of the hydrogel as shown in chapter 6.

It is generally recognized that the covalent crosslinking of hydrogels leads to elastic
substrates, while the ionic crosslinking of hydrogels leads to viscoelastic substrates.[68, 95,
100, 362] Indeed, the ionic crosslinking of alginate with divalent cations is often performed to
obtain viscoelastic substrates, as ionic crosslinks are reversible, and can unbind and rebind
when stresses are applied to the hydrogels.[95] Nevertheless, ionic crosslinking is not the
only method to modulate hydrogels viscoelastic properties, as Cameron et al. entrapped linear
polyacrylamide into covalently crosslinked polyacrylamide hydrogels to modulate hydrogels
viscous modulus.[67] In addition, this PhD project demonstrated that stress relaxing hydrogels
could be obtained from covalently crosslinked and mainly elastic polyacrylamide based
hydrogels, thanks to the copolymerization of acrylamide with acrylic acid. The hydrogels used
in this project are therefore particularly interesting for mechanobiology studies, as the covalent
crosslinking enables to obtain a wide range of stiffnesses (1 kPa to hundreds of kPa) and to
fine tune hydrogels stiffness by varying the amount of crosslinker, while the ratio between
acrylamide and acrylic acid modulates hydrogels stress relaxation, although these parameters
are not completely independent so that varying the ratio between the two monomers also affects
the stiffness. The covalent crosslinking also provides more stability and structural integrity than
ionic crosslinking, when placed in contact with biological fluids.[379] Considering that acrylic
acid has been incorporated into the hydrogels with a concentration from 5 to 18 mol%, it might
be interesting to further increase the acrylic acid content in the hydrogels to evaluate whether it
might lead to a further increase of hydrogels stress relaxation.
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Finally, because of the toxicity of the monomers, this hydrogel system does not allow cell
encapsulation[35], which might be a limitation for the study of cell behavior considering that
3D cell culture is recognized as better mimicking in vivo cellular behavior[380]. Moreover,
3D bioprinting of cell laden hydrogels is also a growing research topic as it has raised
hopes in regenerative medicine by enabling the design of structurally complex scaffolds for
tissue regeneration.[379] Nevertheless, studying and optimizing cell-material interactions in
2 dimensions is also necessary in order to improve the performance of the existing bone
implants, such as metallic and polymeric implants, whose surface is expected to interact with
bone tissue. Furthermore, it has been shown in chapter 6 that MSCs seem to differentiate
towards osteocytes on the surface of the hydrogels, although it is surprising as osteocytes
are known to evolve within a 3D environment in vivo, as they are embedded within
bone.[2, 4, 23] Indeed, osteocytes culture and differentiation from osteoblasts is generally
performed in 3 dimensions.[98, 155, 369, 381, 382] Recently, Sawa et al. demonstrated that
switching osteoblasts from a 2D to a 3D environment led to their differentiation towards
osteocytes, while they regained osteoblast characteristics when they were switched back to a 2D
environment.[368] Nevertheless, osteocyte differentiation from osteoblasts has been achieved in
2 dimensions in another study by decreasing the initial cell seeding density.[332] Therefore, it
is still not clear to what extent osteoblast-to-osteocyte differentiation can be modulated by the
biomaterials properties, by the dimensionality of the system, and by the culture conditions, and
this is even less clear for MSC-to-osteocyte differentiation. Thus, this PhD project paves the
way for a deeper understanding of MSCs commitment towards osteocytes through cell-material
interactions.

Regarding hydrogels surface functionalization and the impact
on MSCs osteogenic differentiation :

In this project, the hydrogels have been functionalized with a mimetic peptide of the
BMP-2 protein[83] for the evaluation of the impact of hydrogels mechanical properties on
MSCs osteogenic differentiation, as this peptide has been found to promote MSCs osteogenic
differentiation on many different materials. In addition, considering that polyacrylamide
hydrogels are generally functionalized with type I collagen to evaluate the impact of hydrogels
stiffness on MSCs differentiation, preliminary experiments have been conducted with collagen
to evaluate MSCs differentiation depending on hydrogels biofunctionalization (BMP-2 mimetic
peptide versus type I collagen).

Type I collagen and the BMP-2 mimetic peptide have been covalently immobilized on the
surface of the hydrogels via the linker Sulfo-SANPAH. This step is crucial to evaluate the
impact of hydrogels mechanical properties on cell behavior as the cells will exert mechanical
forces on the substrate-bound proteins or peptides, and will therefore undirectly exert forces
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on the underlying matrix because of the covalent bonds between the matrix and the proteins
or peptides.[55] The covalent grafting of the two biomolecules has been confirmed by using
a fluorescent peptide or by performing an immunostaining of collagen, and by showing that
the fluorescence intensity of hydrogels with absorbed molecules (so without activation of
the gel) was much lower than the fluorescence intensity of hydrogels with grafted molecules
(so with activation of the gel). In addition to these characterizations, chemical analysis have
been performed on the virgin and the functionalized hydrogels, including X-ray photoelectron
spectrometry (XPS) and infrared and Raman spectroscopy, in order to confirm the covalent
grafting of the biomolecules. Nevertheless, the chemical composition of the biomolecules being
very similar to the composition of the gel, it was impossible to assess the covalent grafting by
using these techniques. In addition, this required drying the hydrogels, which can deform the
hydrogel samples and affect the distribution of the biomolecules on the surface of the gels, that
may no longer be detectable.

Regarding the impact of hydrogels biofunctionalization on MSCs osteogenic differentiation,
it has been demonstrated in chapter 7 that the BMP-2 mimetic peptide led to a higher expression
of osteoblast and osteocyte markers than type I collagen. This was expected as this peptide
has been specifically chosen for its capability to enhance MSCs osteogenic differentiation.
Nevertheless, it has been shown that the collagen surface density was lower than the peptide
surface density, which might make it difficult to compare the effects of these two biomolecules
on MSCs behavior. In addition, considering that one peptide molecule is carrying one bioactive
sequence able to interact with the cells, while one collagen molecule is carrying several
bioactive sequences, it might be more appropriate to compare the density of available bioactive
sites instead of comparing the biomolecules density. Finally, comparing the impact of two
peptides with a similar molecular weight and a similar surface density on cell behavior might
be more appropriate than comparing the effect of a peptide and a large protein. This BMP-2
mimetic peptide could be compared to other osteogenic peptides, such as OGP and P15, or
to cell adhesion peptides, such as RGD. Moreover, it might be interesting to combine several
peptides on the surface of the hydrogels as it could provide synergistic effects, such as the
combination of RGD and the BMP-2 peptide that has been found to enhance MSCs osteogenic
differentiation.[84]

While the peptide[257, 263, 377] or protein[383] surface density is known to modulate
MSCs adhesion and differentiation, the BMP-2 peptide concentration has been adjusted in
chapter 6 in order to obtain a similar peptide density on the five different hydrogel formulations.
This enables to ensure that differences in cell behavior on the different hydrogels can not
be attributed to differences in peptide surface density. However, it can be noticed that MSCs
differentiation in response to hydrogels mechanical properties is different between chapter 5
and chapter 6. Indeed, in chapter 5, the highly stress relaxing hydrogel did not promote the
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osteocyte morphology observed in chapter 6. The peptide surface density has been evaluated
in chapter 5 and it has been found that the peptide density on the high relaxing gel was the
double of the peptide density on the low relaxing gel. Nevertheless, it has been considered that
the peptide density obtained by fluorescence measurements was an estimation and that is was
of the same order of magnitude on the two hydrogels. Indeed, it was not expected that a 2-
fold difference in peptide density might affect MSCs behavior. The different results obtained
in chapters 5 and 6 tend to show that the higher peptide density on the high relaxing gel in
chapter 5 promoted higher cell adhesion, which resulted in a higher initial cell seeding density
compared to the low relaxing gel, responsible for the different cell shape and E11 expression
on the two hydrogels. This hypothesis would confirm that the lower cell adhesion on the low
relaxing gel, which results in intercellular separation, would drive the cells to develop dentrites
to communicate and would therefore favor MSCs differentiation towards osteocytes, while the
higher cell adhesion on the high relaxing gel allows cell communication by direct contact,
leading to MSCs differentiation towards osteoblasts.[332] Consequently, it might be interesting
to evaluate the impact of varying peptide density and varying cell seeding density on MSCs
osteogenic differentiation, and to assess whether these two parameters have similar effects.

Finally, while the BMP-2 peptide and collagen have been homogeneously distributed
on the surface of the hydrogels in this project, it might be interesting to investigate the
impact of the spatial distribution of these biomolecules on MSCs osteogenic differentiation.
Indeed, several studies have shown that varying the micro-scale distribution of peptides by
making geometric patterns with different sizes and shapes might significantly enhance MSCs
osteogenic differentiation on rigid materials.[102, 103, 104] In addition, the spatial distribution
of biomolecules has also been shown to influence MSCs behavior on hydrogels, as discussed
in chapter 3. Nevertheless, these patterns are generally obtained by photolithography[102, 103,
104] or soft-lithography[384] (Figure 7.8) which are complex and long procedures, and which
are only suitable for the patterning of 2D substrates.[385] In addition, the patterns produced
using these two methods are generally very organized patterns with periodic repetition, which
is not necessarily the best configuration to represent cells natural environment. Indeed, Dalby
et al. showed that more randomly distributed patterns had a higher potential to direct MSCs
osteogenic differentiation than organized patterns.[192] In this context, the LIS laboratory
(Québec) developped a micropatterning method with aerosols.[386, 387, 388] This method
enables to create circular patterns with a random distribution but with controlled diameter and
surface coverage (Figure 7.8c), and it can be used on many different materials, including 3D
materials. Therefore, it might be interesting to use this technique to create biomolecules patterns
on the surface of the hydrogels and to evaluate the impact on MSCs osteogenic differentiation.
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FIGURE 7.8 – a) Schematic representation of soft-lithography. b) Schematic representation of
peptide micropatterning onto glass surfaces using photolithography technique. From [103]. c)
Example of peptide patterning of a polytetrafluoroethylene surface using aerosols. From [387]

Regarding the characterization of hydrogels mechanical
properties :

As previously mentioned, hydrogels being multi-phase materials composed of a solid
phase together with a liquid phase, the characterization and modelling of their mechanical
properties is still a challenging task. Considering that compression and AFM are the most
widely used methods to measure hydrogels stiffness in studies evaluating the impact of the
stiffness on MSCs differentiation, these two methods have been chosen in this project to
characterize hydrogels mechanical properties. It has been shown that AFM was sensitive to
variations in surface stiffness caused by hydrogels surface functionalization, while compression
did not allow to measure these variations. In addition, it has been shown, for the first time,
that there was no effect of the surface functionalization with the peptide on the microscopic
viscoelastic properties of our hydrogels measured using AFM, although this still requires
further investigation in order to understand hydrogels response to micro-scale sollicitations.
Indeed, this would be particularly interesting as it would provide a complete study, not only
about cell response to hydrogel mechanical properties, but also about hydrogels response to
micro-scale sollicitations that can be exerted by cells, providing new insight on cell-material
interactions. Moreover, it would be particularly interesting to perform the same study on
hydrogels functionalized with type I collagen. Indeed, many studies use type I collagen for
hydrogels surface functionalization but only measure the bulk mechanical properties of the
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hydrogels, while collagen being a large molecule, it is susceptible to modify hydrogels surface
mechanical properties, possibly because of weak interactions between the collagen molecules
such as hydrogen bonding, and/or because of collagen molecules entanglement.
The results presented in this work indicate that compression does not seem to be the most
suitable technique to evaluate the mechanical properties that the cells will feel on the surface
of the hydrogels, although it is challenging to find the technique that will perfectly represent
what the cells will feel. Indeed, considering that the cells would be able to feel hydrogels
mechanical properties up to 5 µm deep, the length scale of compression measurements might
be too high (hundreds of µm to several mm), while the length scale of AFM measurements
might be too low (hundreds of nm). Nevertheless, there still does not seem to be a perfect
answer to this problematic yet. In addition, the choice of the technique might also depend on
the dimensionality of the system in the sense that it might be more relevant to measure hydrogels
bulk mechanical properties using compression when the cells are cultivated in 3 dimensions and
are encapsulated within the hydrogel, while it might make more sense to measure hydrogels
surface mechanical properties using AFM when the cells are cultivated in 2 dimensions.

Regarding the impact of hydrogels mechanical properties on
MSCs osteogenic differentiation :

This study allows to go further than the literature in the assessment of the impact
of hydrogels mechanical properties on MSCs osteogenic differentiation by including both
hydrogels stiffness and stress relaxation. It has been found that our combination of hydrogels
with a stiffness between 60 and 140 kPa and a relaxation between 15% and 70%, the BMP-
2 mimetic peptide, osteogenic culture medium, and low cell seeding density, led to the major
achievement of obtaining a dentritic morphology on 2D substrates. In addition, the expression of
three osteocyte markers (E11, DMP1, sclerostin) has been evaluated using immunofluorescence,
which is very rare in the literature, and revealed that a stiffness of 60 kPa promoted a higher
expression of these markers after 24 hours and 2 weeks, as compared to stiffnesses of 15 kPa
and 140 kPa, for a constant relaxation around 15%. Then, the hydrogel with a stiffness of 140
kPa and the highest relaxation (70%) promoted the highest expression of osteocyte markers
after 2 weeks, which suggests that hydrogels stress relaxation has a major impact on MSCs
differentiation towards osteocytes, which may be stronger than that of the stiffness, as a high
viscoelasticity seems to favor MSCs osteogenic differentiation even if it is associated with a
stiffness that is not the most favorable. Considering that the hydrogel 140 kPa-15% led to a
lower expression of osteocyte markers compared to the hydrogels 15 kPa-15% and 60 kPa-
15%, it would be interesting to evaluate the impact of hydrogels stress relaxation on MSCs
osteogenic differentiation for stiffnesses of 15 and 60 kPa, with the hypothesis that the best
results would be obtained for a stiffness of 60 kPa and a high relaxation.
In addition to the evaluation of MSCs osteogenic differentiation using immunofluorescence,
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other techniques could be used to confirm the results, such as qPCR, although this technique
generally requires a high amount of cells, which might be an issue in our case as the cell
seeding density is low. Other differentiation markers could also be investigated, such as bone
sialoprotein, collagen type I, and alkaline phosphatase, as their expression is supposed to
be down-regulated during the transition towards osteocytes.[327, 329] This could provide
additional evidence of cell commitment towards osteocytes. Finally, comparing the level of
expression of osteocyte markers for MSCs on our hydrogels to the level of expression of
these markers for osteocytes would also be particularly interesting to determine whether cells
are closer to early or mature osteocytes. Nevertheless, the in vitro study of osteocytes is still
challenging as isolating osteocytes from bone is a complex process, leading to very low yields,
high cell heterogeneity, and cells that may not express markers normally found in osteocytes,
such as sclerostin.[155, 156]
Finally, it might be interesting to investigate the mechanotransduction pathways through which
MSCs are capable of sensing hydrogels mechanical properties, and particularly their stress
relaxation. Indeed, different pathways would be involved in MSCs response to hydrogels
stiffness, such as YAP/TAZ signaling, Rho/ROCK signaling, and MAPK signaling for
example.[389] As such, it would be interesting to evaluate whether these pathways are also
involved in MSCs response to hydrogels stress relaxation.

The experimental conditions chosen for the cell culture experiments are important
parameters to discuss as they can greatly influence MSCs differentiation. First, all the
experiments have been conducted with Osteogenic differentiation medium in order to favor and
accelerate MSCs osteogenic differentiation, and to be able to obtain an osteogenic commitment
over relatively short time periods. It might be interesting to assess whether MSCs could
differentiate towards osteocytes without osteogenic supplements, and to assess how long it
would take. Regarding the cells, many parameters could be varied in order to investigate their
impact on MSCs differentiation towards osteocytes. As mentioned in chapter 2, the number
of cell passages is likely to affect MSCs differentiation potential. In this project, the cells
have always been used from the same donor and at low number of passages (passage 4 or
5) to preserve MSCs differentiation potential and to ensure the reproducibility of the results.
As previously discussed, the cell seeding density is an important parameter to consider. It is
likely that the low cell seeding density used in this project (3,000 cells/cm2) favored MSCs
differentiation towards osteocytes, although it would be interesting to confirm this hypothesis.
Nevertheless, although this parameter probably influenced MSCs fate, it does not mean that
lowering the cell seeding density on any material would result in MSCs differentiation towards
osteocytes. Indeed, the osteocyte-like shape observed in this study is probably the result of
the combination of several parameters, and it might be particularly interesting to determine
which of these parameters are essential to obtain these osteocyte-like cells. This would allow
to gain knowledge about MSCs differentiation towards osteocytes, which is still a relatively
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unknown process. Finally, as presented in chapter 2, several studies highlighted that MSCs
proliferation and differentiation could be affected by the age of the donor, with MSCs losing
their osteogenic differentiation potential due to increasing donor age.[172] Therefore, it might
be surprising to have obtained osteocyte-like cells from a 65-years old donor, and it might
be interesting to repeat the experiments with cells from another donor to assess whether
osteocyte-like cells could be obtained under the same conditions. The use of MSCs from a
younger donor might even reduce the inhomogeneity of the osteogenic differentiation markers
expression that has been observed in chapter 6, as it has been demonstrated by our team that the
population of cells from an old donor (65 years old) exhibited a more heterogeneous expression
of osteogenic differentiation markers than cells from a young donor (36 years old).[105]
Finally, as highlighted in chapter 2, the application of stimuli, such as hypoxia or mechanical
loading, can also modulate MSCs behavior. Considering that osteocytes reside within a low
oxygen microenvironment[390], it might be interesting to investigate whether hypoxia could
favor MSCs differentiation towards osteocytes under the same conditions than in chapter 6.
In addition, osteocytes being sensitive to mechanical stress applied on bones[2, 4, 23, 28], it
might be interesting to assess the impact of a mechanical sollicitation of the hydrogel on MSCs
differentiation towards osteocytes.

Regarding the impact of the system for bone regeneration :

Regarding the impact of this work for bone regeneration, it is unlikely that the hydrogels
used in this project might be used as bone substitutes as their mechanical properties are far from
that of bone, they do not provide a 3D environment, and they are not resorbable. Nevertheless, it
could be considered to apply these hydrogels as a coating on metallic and polymeric implants.
Indeed, this coating would be able to interact with bone cells and would potentially promote
bone growth around the prosthesis, which would therefore be well integrated within the bone
and would avoid the formation of a fibrous tissue around the implant. The formation of this
capsule of fibrous tissue is particularly problematic with current implants as it can provoke
interfacial micromovements that might result in the failure of the prosthesis.[8] In addition,
because these hydrogels are not resorbable, the implant would not loose its coating over time.
The hydrogels developed in this work are also particularly interesting for fundamental studies
about the understanding of the processes of MSCs osteogenic differentiation. Indeed, being able
to control MSCs differentiation would be a major step forward for the development of effective
strategies for tissue engineering and regenerative medicine. In addition, this work might provide
a deeper knowledge about MSCs transition towards osteocytes, which is still lacking today.
Finally, this hydrogel system might be used as an in vitro cell culture platform that would allow
to obtain osteoblasts or osteocytes from MSCs differentiation in a fast and reproducible way.
Subsequently, these osteoblasts or osteocytes might be used for implantation or for other in vitro
and in vivo studies.
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