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Résumé en Français  

Développement d’un nouvel hydrogel modulable 
permettant la formation de tissus, dans le cadre des 
modèles de peau reconstruite 
 

Les équivalents de peau reconstruites utilisés comme greffe pour le 

remplacement des tissus endommagés ou pour l’établissement de modèle de peau 

in vitro sont constitués d’une structure complexe dermo-épidermique. Le 

collagène, obtenu de source animale, est principalement utilisé comme matrice 

pour former l’équivalent dermique de ces structures. Ces matériaux d’origine 

animale présentent néanmoins plusieurs inconvénients : des propriétés 

mécaniques parfois limitées, une grande variabilité, des risques de contamination 

pathogène ; et ils soulèvent également un dilemme éthique. Ces inconvénients 

pourraient être évités par l’utilisation de matériaux synthétiques. Les hydrogels à 

base de Poly(éthylène glycol) (PEG) ont largement été utilisés dans les applications 

d’ingénierie tissulaire, de par leur biocompatibilité et leurs propriétés mécaniques 

modulables. Cependant, leur caractère (bio)inerte nécessite qu’ils soient associés 

avec d’autres séquences fonctionnelles. Nous proposons ici de réticuler les 

molécules de PEG à l’aide de dendrigrafts de poly-L-Lysine (DGL) qui, en plus de 

servir comme nœud de réticulation multifonctionnel, pourraient mettre à 

disposition de nouvelles propriétés biologiques, telles que l’adhésion cellulaire à la 

surface du biomatériau. Pour juger du potentiel des hydrogels en tant que substrat 

pour applications biologiques, nous avons étudiés la réponse cellulaire à la surface 

du matériau en lien avec sa composition. Afin de permettre une culture cellulaire 

tridimensionnelle, une technique de « particulate leaching » a été utilisée pour 

rendre l’hydrogel poreux, permettant ainsi l’infiltration et la colonisation par les 

cellules. L’équivalent dermique résultant a ensuite été étudié dans le contexte d’un 

modèle de peau reconstruite. De plus, l’incorporation dans l’hydrogel d’un 

polypeptide synthétique similaire à l’élastine afin d’accroître son activité biologique 

et lui conférer des propriétés élastiques a été évaluée. Finalement, la 

biocompatibilité des hydrogels a été testée in vivo par implantation sous-cutanée 

chez la souris. 

 
Mots clés : Ingénierie Tissulaire ; Hydrogels ; Modèles de peau ; support 3D ; 
dendrigrafts de poly-L-lysine ; PEG-Hydrogels  
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Abstract   

Development of a novel tunable hydrogel to support tissue 

formation in the context of full-thickness skin equivalents. 

 

Full-thickness skin equivalents used as grafts for the replacement of 

damaged skin or for the establishment of in vitro skin models are composed of an 

epidermal layer seeded on top of a dermal compartment. While collagen is 

principally used as matrix to form the dermal equivalent, materials from animal 

sources still elicit an ethical dilemma, have weak mechanical properties, batch-to-

batch variability and present risk of pathogen transfer. The use of synthetic 

materials as scaffolds could overcome these disadvantages. Poly(ethylene glycol) 

(PEG) hydrogels have been extensively used in tissue engineering applications, 

owing to their biocompatibility and tunable mechanical properties. However, their 

bio-inert properties require them to be associated with other functional moieties. 

We propose here to reticulate PEG molecules with poly-L-lysine dendrigrafts (DGL) 

that, beside serving as multifunctional crosslinkers, could provide inherent 

biological properties such as cell adhesion to PEG-based hydrogels. To judge the 

hydrogel’s potential as a substrate for biological applications, the cellular response 

to the material surface, in relation to its composition, was determined. 

Subsequently, particulate leaching was evaluated as a simple fabrication technique 

to render the hydrogels porous and allow cell infiltration and colonization in three-

dimensions, in view of forming a dermal equivalent. The resulting tissues were 

investigated in the context of full-thickness skin equivalents. Furthermore, a 

synthetic elastin-like polypeptide was incorporated to the hydrogels to increase 

their bioactivity and elastic properties. Finally, in vivo biocompatibility was 

assessed by subcutaneous implantation in mice.  

 

Keywords: Tissue Engineering; Hydrogel; skin models; scaffolds; poly-L-lysine 

dendrigrafts; PEG-based hydrogels 
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 DEJ Dermal epidermal junction 
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TGF-β 
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 Tt Transition temperature 
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Contexte Général  
Les équivalents de peau sont devenus un outil indispensable à la recherche, 

à l’évaluation de la sécurité de produits de soin ou de santé et comme alternative 

à la greffe de peau autologue. Ainsi, les équivalents de peau en tant que modèles 

in vitro sont très largement utilisés comme alternatives aux tests sur animaux 

dans le secteur cosmétologique et pharmaceutique [1,2]. Ils ont notamment été 

utilisés pour étudier la toxicité de composés chimiques et de produits finis sur la 

peau, mais également afin de mieux comprendre les fonctions de la peau en 

conditions physiologiques et pathologiques (p. ex. cicatrisation, psoriasis,…) [3,4]. 

Cliniquement, les équivalents de peau sont des options prometteuses pour le 

traitement des plaies s’étendant sur des zones importantes du corps (p. ex. 

grandes brulures) et où les zones de prélèvement sont limitées pour procéder à 

une greffe de peau autologue [5]. Les peaux reconstruites, constituées des 

composants dermiques et épidermiques proposent un grand intérêt puisque 

l’interaction entre le derme et l’épiderme ont un impact sur la morphologie de la 

peau, son homéostasie et son activité métabolique [6,7]. Ces équivalents de peau 

ouvrent la porte à des études in vitro plus complexes et améliorent le taux de 

réussite des greffes de 75% dans les applications cliniques [8]. Alors que 

l’épiderme reconstruit consiste exclusivement en une structure épidermique 

multicouche, les modèles dermo-épidermique sont quant à eux constitués d’une 

couche épidermique se développant au-dessus du composant dermique. Le 

composant dermique est, quant à lui, composé de fibroblastes implantés dans un 

réseau tridimensionnel tentant de mimer la structure, la physiologie et les 

fonctions mécanique de la matrice extracellulaire (MEC) native. 

Etant donné que les protéines les plus abondantes à l’intérieur du derme 

sont les collagènes de type I et de type III, ces derniers sont largement utilisés 

pour générer des matrices servant de support aux fibroblastes afin de former un 

équivalent dermique [9–14]. Cependant, étant de sources animales, ils sont sujets 

à une forte variabilité et au risque de transfert d’agents pathogènes, tandis que 

leur utilisation dans l’industrie pose un dilemme éthique [15,16]. L’utilisation de 

matériaux synthétiques permettrait d’éviter ces désavantages. Par exemple, les 

hydrogels à base de poly(éthylène glycol) (PEG) ont été largement utilisés ces 

dernières décennies comme matrice pour la délivrance contrôlée de médicaments 

ou comme support de culture cellulaire, de par leur excellente biocompatibilité, 
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leur modularité fonctionnelle chimique et leurs propriétés mécaniques versatiles 

[17]. Cependant, leurs propriétés bio-inertes nécessitent de les associer à d’autres 

séquences fonctionnelles, comme des peptides RGD, afin d’accroître le taux de 

survie des cellules ou encore leur capacité à permettre l’adhérence cellulaire [18]. 

Les hydrogels de PEG peuvent être réticulées de nombreuses manières, dans 

lesquelles les molécules de PEG sont soit fonctionnalisées avec des groupes réactifs 

à leurs extrémités (p. ex. méthacrylate ou acrylate) puis activés par des initiateurs 

associés avec des monomères multifonctionnels pour éviter l’utilisation 

d’initiateurs [19]. Dans le second cas, les dendrimères ont montré un potentiel en 

tant que monomère pour réticuler du PEG fonctionnalisé [20–23]. Les dendrigrafts 

de Poly-L-lysine (DGL) sont intéressants dans cette optique en raison de leur 

grande surface de contact, leur facilité de fonctionnalisation, leur solubilité dans 

l’eau, leur stabilité sous conditions de stérilisation, leur dégradation partielle, leur 

non-immunogénicité et leur faible cytotoxicité [24,25]. De plus, leur nature 

polycationique à pH physiologique permet l’adhésion cellulaire, fournissant ainsi 

une bio-activité tout en restant synthétique et contrôlable [26,27].  De façon 

intéressante, notre laboratoire est le premier à évaluer les DGL comme monomère 

de réticulation d’un hydrogel de PEG, alors qu’un tel hydrogel pourrait bénéficier 

d’une bio-activité, sans besoin supplémentaire d’association avec des molécules 

supplémentaires. 

Pour développer des construits tissulaires d’intérêt physiologique, les 

propriétés mécaniques de la MEC doivent être considérées. Alors que le collagène 

confère à la peau une résistance à la traction, son élasticité est apportée par 

l’élastine, un autre composant important de la MEC [28]. Les équivalents 

dermiques composés de collagène tendent à avoir des propriétés mécaniques plus 

limitées, une résistance à la traction moindre, ainsi qu’une élasticité moins 

importante. Ils ont montré également des phénomènes de contractions liées aux 

fibroblastes, qui, dans le cas d’applications cliniques, peuvent conduire à une 

fibrose, altérer la guérisions des blessures et induire des cicatrices importantes 

[9,29]. Pour apporter de l’élasticité et favoriser la synthèse d’élastine, les 

chercheurs ont récemment étudié l’utilisation d’élastine soluble (α-élastine) et de 

peptides similaires à l’élastine dans les biomatériaux [30,31]. Un polypeptide 

recombinant (ELP) similaire à l’élastine et aux propriétés physico-chimiques 

analogues à la tropoélastine (le précurseur soluble de l’élastine humaine), a été 

récemment développé dans notre laboratoire [32]. En plus de ces propriétés 
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élastiques, cet ELP possède des propriétés biologiques intéressantes de par son 

extrémité C-terminale semblable à celle de la tropoélastine native et connue pour 

interagir avec les intégrines αvβ3 des cellules. De plus, son unité répétitive VGVAPG 

interagit avec l’« elastin binding protein » (EBP) [33]. Quand il est supplémenté 

au milieu cellulaire, sa présence peut augmenter la prolifération de fibroblastes 

ainsi que l’adhérence cellulaire quand il est utilisé comme revêtement sur des 

surfaces plastiques [32]. Son incorporation dans l’hydrogel DGL/PEG pourrait donc 

fournir de plus amples informations sur le comportement cellulaire dans les 

microenvironnements élastiques, tout en permettant de produire des équivalents 

de peau d’intérêts pour des applications en cicatrisation et/ou comme modèle de 

peau in vitro. 

Objectifs et contours de la thèse 

Alors qu’un important développement a été observé dans la production de 

peaux reconstruites (dermo-épidermique), la plupart des supports de culture sont 

encore composés de collagène. Par ailleurs, si l’utilisation de matériaux 

synthétiques présente des avantages, peu ont été testés dans ce contexte. Tandis 

que le biomimétisme propose une stratégie pour se rapprocher de la MEC native 

tout en restant contrôlable et sans utiliser de ressources animales. En 

conséquence, l’objectif de cette thèse a été de développer un système synthétique 

mimant la MEC et fournissant un support pour la culture cellulaire et la formation 

de tissus dans le contexte des peaux reconstruites. Pour atteindre cet objectif, les 

questions suivantes ont été posées : 

 

A) Est-il possible d’utiliser les dendrigrafts de poly-L-lysine comme nœud 

de réticulation pour former un hydrogel à base de PEG, qui soit modulable 

et disposant d’une capacité d’adhérence cellulaire inhérente ? 

Les hydrogels constituent des réseaux polymères avec une haute capacité 

d’absorption des liquides et pouvant mimer la structure de la MEC ; cependant, les 

hydrogels à base de PEG ne favorisent pas l’adhérence cellulaire. L’utilisation des 

dendrigrafts de poly-L-lysine comme nœuds de réticulation multifonctionnelle pour 

former un hydrogel avec des molécules de PEG a donc été examinée et les 

hydrogels résultants ont été évalués en tant que support pour la culture cellulaire 
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en deux dimensions, en déterminant la réponse cellulaire en relation avec la 

composition de l’hydrogel. 

 

B) L’hydrogel DGL/PEG peut-il être formulé en support poreux permettant 

l’infiltration de fibroblastes, afin de produire une matrice dermique pour 

une peau reconstruite ? 

Pour correctement répliquer in vitro les conditions physiologiques, les 

cellules doivent être cultivées dans un microenvironnement tridimensionnel. Dès 

lors, la possibilité d’introduire une structure hautement poreuse dans l’hydrogel 

DGL/PEG avec une technique de préfabrication simple a été évaluée. L’infiltration 

cellulaire dans la structure poreuse et son potentiel en tant qu’équivalent dermique 

pour supporter la formation d’une couche d’épiderme a ensuite été étudiés.  

 

C) Est-ce que l’incorporation d’un polypeptide similaire à l’élastine (ELP) 

améliore la qualité de l’équivalent dermique, en mimant mieux la MEC? 

En ligne avec l’approche biomimétique, l’incorporation d’un ‘élastin-like 

polypeptide’ (ELP) inspiré de la structure de la tropoélastine native dans les 

hydrogels DGL/PEG a été étudiée comme moyen de mimer le composant élastique 

de la peau. Pour déterminer l’avantage potentiel de l’introduction de l’ELP dans 

l’hydrogel, l’effet de la réponse cellulaire sur le biomatériau a été étudié en deux 

et trois dimensions. 

  

D) Les supports DGL/PEG montrent-ils une bonne biocompatibilité in 

vivo ? 

En vue d’une application clinique potentielle des hydrogels DGL/PEG, leur 

biocompatibilité est d’une extrême importance. Par conséquent, la réponse de 

l’hôte aux hydrogels à base de DGL/PEG a été évaluée par implantations sous-

cutanée chez la souris. 

  



 

 

General Context  
Engineered skin equivalents have become an important tool for basic 

research, toxicity or efficacy assessment and as alternatives to autologous skin 

grafting.  Skin equivalents as in vitro models are widely used as alternative to 

animal testing in the pharmaceutical and cosmetic industry [1,2]. They have been 

used to study the toxicity of chemical agents or finished products but also to 

understand skin function in physiological and pathologic conditions (e.g wound 

healing, psoriasis…)[3,4]. Clinically, skin equivalents are promising options for the 

treatment of extensive burns or in the case of large-area skin injuries where donor 

site is limited for autologous skin grafting [5]. Full-thickness skin equivalents, 

formed of the dermal and epidermal component are of special interest since it’s 

been shown that the interactions between epidermis and the dermis have an 

impact in skin morphology, homeostasis and metabolic activities [6,7]. Full-

thickness skin equivalents favor more complex in vitro studies and increase 

grafting success up to 75% in clinical applications [8]. While reconstructed 

epidermis consists exclusively of a multilayered epidermal construct, in full 

thickness models the epidermal layer is grown on top of the dermal component. 

The dermal component is composed of fibroblasts embedded in a three-

dimensional network that attempts to mimic the physiological, structural and 

mechanical functions of the native extracellular matrix (ECM). 

 Since the most abundant proteins within the dermis are type I and III 

collagen, they are widely used to generate hydrogel matrices to support fibroblasts 

growth and form a dermal equivalent [9–14]. However, being obtained from 

animal sources,  their use in the industry still raises an ethical dilemma, while they 

are subject to batch-to-batch variability and present risk of pathogen transfer 

[15,16]. The use of synthetic materials could overcome these disadvantages. For 

instance, poly(ethylene glycol) (PEG) hydrogels have been extensively used as 

matrices for controlled drug delivery or as tissue engineering scaffolds over the 

past decades, owing to their excellent biocompatibility, chemical versatility and 

tunable mechanical properties [17]. However, their bio-inert properties require an 

association with other functional moieties (such as RGD peptides) or coating with 

ECM proteins (such as collagen and laminin) to promote survival and function of 

adherent cells [18,34,35]. PEG hydrogels can be crosslinked through various 
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paths, in which the PEG molecules are either functionalized with reactive end 

groups (e.g. methacrylate or acrylate) and activated by initiators or associated 

with multifunctional monomers to avoid the use of initiators [19]. In the latter 

approach, dendrimers have shown some potential as crosslinking monomers to 

reticulate functionalized PEG [20–23]. Poly-L-lysine dendrigrafts are of interest for 

this application due to their large surface area, versatility to be functionalized, 

water solubility, stability under sterilization conditions, partial degradability, non-

immunogenicity and low cytotoxicity [24,25] Moreover, their polycationic nature 

at physiological pH allows cellular adhesion, therefore providing bioactivity while 

remaining synthetic and controllable [25–27]. Interestingly, our laboratory was 

the first to evaluate DGL as crosslinking monomers to form hydrogels with PEG, 

while such hydrogels could benefit from their inherent bioactivity, without the need 

for further association with functional moieties.  

To develop physiologically relevant tissue engineered constructs, the 

mechanical properties of the ECM need to be considered. While collagen confers 

the tensile strength of the skin, its ability to be both compliant and resilient 

(elasticity) is provided by the elastin, another important component of the ECM 

[28]. Dermal equivalents composed solely of collagen tend to have weak 

mechanical properties, such as low tensile strength or elasticity, and have shown 

fibroblast-related contraction, which, in case of clinical applications can lead to 

fibrosis, impaired wound healing and extensive scar formation [9,29]. To provide 

elasticity and promote elastin synthesis, researchers are recently exploring the 

application of soluble elastin (α-elastin) and elastin-like peptides in biomaterials 

for tissue engineering [30,31]. A recombinant elastin-like polypeptide (ELP) with 

similar physicochemical properties as tropoelastin, the soluble precursor of human 

elastin, was recently developed in our laboratory [32]. In addition to its elastic 

properties, this ELP possesses interesting biological properties through its C-

terminal extremity, which is similar to the one present in the native tropoelastin 

and is known to interact with cell integrins αvβ3. Furthermore, its repetitive unit 

VGVAPG can interact with the elastin binding protein (EBP) [33]. When added into 

the cell medium it can increase fibroblasts proliferation as well as cell adhesion 

when used as a coating of plastic surfaces [32]. Its incorporation to the DGL/PEG 

hydrogel could therefore provide information on the relations between cellular 

behavior and elastic microenvironment and could further be of interest to produce 
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full-thickness skin equivalents with potential in wound healing applications and/or 

as an in vitro skin model. 

Aims and outline of the thesis  

While extensive development has been observed in the production of full-

thickness skin equivalents, most scaffolds are still composed of collagen. While the 

use of synthetic materials proposes attractive advantages, few have been 

evaluated in this context. To closely resemble the native ECM while avoiding the 

disadvantages of natural source materials, biomimicry can be used as an strategy 

to develop synthetic materials. Therefore, the aim of this thesis was to develop a 

synthetic system that mimics the ECM and provides structural support for cell 

growth and tissue formation in the context of skin tissue applications. To achieve 

this goal, the following question were thus investigated:  

 

A) Is it possible to use poly-L-lysine dendrigrafts as crosslinker to form a 

tailorable PEG-based hydrogel, with inherent cell adhesion properties? 

Hydrogels are highly swollen polymeric network that can mimic the structure 

of the ECM; however, PEG-based hydrogels do not promote cell adhesion. The use 

poly-L-Lysine dendrigrafts as multifunctional crosslinker to form a hydrogel with 

PEG molecules was therefore investigated and the resulting hydrogels were 

assessed as supports for cell culture in two-dimensions, by determining cell 

response in relation to hydrogel composition.  

 

B) Can the DGL/PEG be formulated into porous a scaffold to allow 

fibroblast infiltration and to produce a dermal matrix for a full-thickness 

skin equivalent? 

To properly replicate the physiological conditions in vitro, cells must be 

cultured in a three-dimensional microenvironment. Accordingly, the possibility to 

introduce a highly porous structure to the DGL/PEG hydrogels with a simple pre-

fabrication technique was evaluated. Cell infiltration into the porous structure and 

its potential as a dermal equivalent to support the formation of an epidermal layer 

were then investigated and compared to a well-known full-thickness skin model.    
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C) Does the incorporation of an elastin-like polypeptide (ELP) improves 

the quality of the dermal equivalent by further mimicking the native ECM?  

In line with a biomimetic approach, the incorporation of an elastin-like 

polypeptide (ELP), inspired from the native tropoelastin structure, into the 

DGL/PEG hydrogels was investigated as a mean to mimic the elastic component of 

the skin. To determine the potential advantage of introducing the ELP into the 

hydrogel, the effect on cell response to the biomaterial was assessed in two- and 

three-dimensions.  

 

D) Do DGL/PEG scaffolds exhibit a good biocompatibility in vivo? 

In view of further clinical applications of the DGL/PEG hydrogels, its 

biocompatibility is of extreme importance. Therefore, host response to DGL/PEG 

hydrogels was evaluated by subcutaneous implantations in mice. 
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I. Tissue-Engineered Skin 

The term tissue engineering was first introduced in 1988 to define the 

emerging approach to replace damaged or/diseased tissue with functional neo-

tissue; by combining cells, scaffolds and bioactive agents [36]. This 

multidisciplinary field merges different areas of science such as cell biology, 

material chemistry and engineering. In this approach, cells are seeded in a 

biodegradable matrix or scaffold which provides an adequate three-dimensional 

structure of the target tissue. The cells proliferate and differentiate, producing their 

own extracellular matrix (ECM), to eventually result in the formation of a functional 

tissue. Regenerative medicine approaches share the same principle, but emphasize 

on the utilization of the patient’s own cells [37]. In addition to its clinical 

applications, this field has also allowed the development of three-dimensional (3D) 

tissue models as alternatives to animal testing models and traditional bi-

dimensional culture models. To properly study cell physiology, mechano-

transduction, and tissue morphogenesis in vitro, cells should be cultured in 3D 

microenvironments that recapitulate the critical mechanical and biochemical cues 

present in the native extracellular matrix (ECM), while facilitating hierarchical 

processes such as migration and tissue organization [38].  

Although the term tissue engineering was not yet introduced, engineered 

skin has been used for more than 45 years in clinical applications, offering major 

advances in burn and wound care [39]. Especially in recent years, in vitro 

engineering of human skin has been encouraged by legal and ethical demands in 

the cosmetic industry [40]. In order to be able to reproduce in vitro what occurs 

in real life, it is important to understand the structure and function of skin.  

I.I. Skin structure and function  

Skin is the largest organ of the human body, it serves as a barrier between 

the internal and external environment and is involved in series of physiological 

functions such as thermoregulation, immune response and sensory detection [41]. 

Human skin is composed of the epidermis, dermis and hypodermis, as shown in 

Figure 1. Each of these layers is composed of different cell types which are 

responsible for the different functions of the skin [42].  
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Figure 1. Human skin structure. The three layers of the skin epidermis, dermis and 
subcutaneous layer or hypodermis are represented in the diagram. As observed, the upper 
epidermal layer is securely attached to the underlying dermis by the basement membrane. 
Nerve endings, capillary vessels and skin appendages such as hair follicles and sweat 
glands are present in the dermis. (Obtained from MacNeil et al., [39]) 

I.I.I. Epidermis  

The epidermis, outer layer of the skin, is principally composed of 

keratinocytes (90-95%), which proliferate in the deepest layer of the epidermis, 

the stratum basale [43]. While stem cells have an unlimited capacity of self-

renewal and the ability to generate daughter cells that undergo terminal 

differentiation, not all proliferative cells in the basale layer are stem cells. Certain 

daughters, named transit amplifying cells, can first proliferate and divide a small 

number of times [44]. Proliferative cells remain attached to the underlying matrix, 

while daughter cells, product of asymmetric mitoses, migrate vertically towards 

the next layer, the stratum spinosum. Once in the stratum spinosum, they exit cell 

cycle, grow larger and establish robust intercellular connections, starting the 

process of differentiation [45]. Cells will gradually move upwards until reaching 

the most external layer, known as the stratum corneum (SC), which represents 

the final step of keratinocytes differentiation. During this process, keratinocytes 

undergo morphological and cytostructural changes, as well as express different 

proteins and cell junctions as observed in Figure 2. Expression of keratins and 

filaggrin genes, located in the epidermal differentiation complex in Human Locus 

1q21, are regulated in function of the stage of keratinocytes differentiation by 

various external factors such as calcium concentration and growth factors [46,47]. 

In the stratum granulosum, the keratinocytes elongate and flatten and form the 

granular layer characterized by the presence of intracellular keratohyalin granules 
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and lamellar bodies [48]. Once the cells have reached the SC, they are no longer 

considered keratinocytes but corneocytes, dead cells lacking nuclei and organelles 

but rich in keratin and filaggrin (tightly linked to neighboring cells by desmosomes) 

[44]. They have a highly insoluble cornified envelop, formed by crosslinking of the 

soluble protein precursor, involucrin, by transglutaminase 1 [44]. Shedding of 

corneocytes by proteolysis, known as desquamation process, is balanced by the 

formation of new corneocytes in non-pathological conditions [49]. The capacity of 

keratinocytes to renew and maintain their ability to reconstruct the epidermis after 

long-term expansion is useful in engineered constructs [5] 

 

 
 

Figure 2. Epidermal structure. The epidermis is made of a stratified cell layer, which 
undergoes differentiation to allow for constant renewal of the skin. Four main layers are 
illustrated by a hematoxylin-and-eosin stained human skin sample accompanied of a 
schematic representation of the stratum basale, stratum spinosum, stratum granulosum 
and stratum corneum. Proliferative cells in the basale layer remain in contact with the 
dermis through hemidesmosomes and integrin-based adhesions. During keratinocytes 
differentiation, cells undergo cytoskeletal changes and express different proteins and cell 
junctions. Differentiation is dependent of changes as calcium concentration and growth 
factors. At the BM proteins such as Laminin, type IV collagen, nitrogen and perlecan assure 
the attachment of the epidermis to the dermis. (Modified from Simpson et al., [45])  
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The primary function of the epidermis is its barrier function, protecting the skin 

from toxic substances and pathogens. First as a physical barrier, obtained by highly 

compacted layers of differentiated keratinocytes joined by intercellular (tight) 

junctions in the epidermal sheet. The barrier function of the skin is mainly 

attributed to the SC, where the flattened corneocytes represent “bricks” forming a 

“bricks and mortar” kind of structure filled with intercellular densely packed 

lamellar lipids [41]. This “physical wall” formed of the corneocytes and lipid matrix 

withholds any external substance from easily penetrating the skin and maintains 

the balance of water and electrolytes inside the skin [41]. As shown in Figure 3, 

the stacked densely packed lipid layers (lipid lamellae) forms a three-dimensional 

structure where both its lamellar and lateral organization are crucial for the skin 

barrier function [50]. The lipids can implement such an effective barrier due to 

their high ordered crystalline lamellar structures [51]. During the process of 

cornification, plasma membrane phospholipids are hydrolyzed, and fatty acids are 

used to synthesize other lipids such as triglycerides, ceramides and sterols leading 

to the formation of the lipid matrix [52]. The lipid matrix is mainly composed of 

three lipid classes: cholesterol, free fatty acids and ceramides expressed in an 

approximately equal molar ratio [50]. The lipid sub class composition is highly 

complex and contains a wide range of different lipids. Changes in the proportion 

and organization of the lipid matrix are known to affect the skin permeability as 

observed in alterations of the SC of diseased skin [50,53]. Lipid analysis of in vitro 

models have shown that the lipid matrix can be formed in vitro but lipid proportions 

differ to native skin [54]. This alteration in the epidermal lipid content of tissue-

engineered skin substitutes, such as different proportions of their epidermal 

ceramide’s classes, correlates with a higher permeability observed in vitro 

compared to native human skin [55]. To create a viable permeation barrier the 

epidermal differentiation process and the subsequent lipid composition and 

organization need to be comparable to that of the human skin [43].  
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Figure 3. Lipid organization in human SC. A) Cross-section of the skin. B) 
Representation of the epidermal tissue layer. C) Representation of the outermost skin 
layer, SC as a ‘brick-and-mortar’ barrier. Intercellular penetration into the deeper 
epidermal layers via the lipid matrix is indicated by the arrow. D-E) Stacked lipid layers in 
a highly ordered three-dimensional structure. Lipids adopt a lateral organization that can 
either be liquid, hexagonal or orthorhombic. (Obtained from Agner et al., [50])  

 

 In addition to a physical barrier, the epidermis also has a role in other 

protection functions. Langerhans cells (dendritic cells present in the stratum 

spinosum) contribute to the barrier function by responding to exogenous 

substances with an innate immunological response. Another cell type present in 

the basale layer of the epidermis is the melanocyte, which protects the skin from 

UV radiation by producing melanin, an effective pigment that absorbs light across 

a broad spectrum of wavelengths to protect DNA in keratinocytes. Finally, Merkel-

ranvier cells contribute to the sensory function of the skin [44].   

I.I.II. Dermal-epidermal junction  

The epidermis is tightly joined to the thick dermal layer at the basement 

membrane (BM) composed of proteins as laminins, collagen type IV, nidogen and 

perlecan [56]. The BM is characterized by two distinguishable layers at the 

microstructure scale: the lamina lucida (electron-lucent) and lamina densa 
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(electron-dense). Keratinocytes are attached to the lamina lucida by the 

hemidemosomes, which binds keratinocyte’s keratin filaments to laminin-332 by 

α6β4 integrin interaction (Figure 4) [57]. While keratinocytes produce most of the 

components of the BM, expression in vitro is weaker and delayed in the absence 

of fibroblasts [58]. Underneath the BM anchoring fibrils, loop structures of collagen 

which bind to laminin-332 and form an interwoven complex with type I and III 

collagen fibrils in the dermis, bind together the dermis to the lamina densa [56].  

The BM provides mechanical support to the epidermis and acts as a partial 

barrier against  the exchange of cells and large molecules [44]. The BM also acts 

as a  reservoir for the controlled released of cytokines and growth factors crucial 

during wound healing [56]. In the production of skin equivalents, the integrity of 

the BM serves as a quality indicator, since it demonstrates the attachment between 

the epidermal and dermal compartment and a good cross-talk between both layers 

[58].  

 

Figure 4. Components of the basement membrane at the dermo-epidermal 
junction. Basal keratinocytes adhere to the BM by interactions between the 
hemidesmosomes with ligands such as laminin-332 (also known as laminin 5) located in 
the lamina lucida and lamina densa of the dermal-epidermal junction.  Type VII collagen is 
the major component of anchoring fibrils, which link the basement membrane to the dermal 
collagen fibers by direct interactions with laiminin-332 in the lamina densa. (Obtained from 
Hertl, et al., [57]) 
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I.I.III. Dermis  

The thick layer of connective tissue underlying the epidermis is the dermis. 

Most of the skin substance and structure is provided by the dermis serving as the 

main mechanical support of the skin [59]. This thick layer of the skin is rich in 

blood supply, since no blood vessels pass through the dermal-epidermal junction, 

dermis vascularization favors the nourishment of the epidermis [44]. Moreover, it 

is rich in nerve endings and various glands to carry out functions such as 

thermoregulation and sensation [44]. This connective tissue layer is divided 

between the papillary dermis formed by rete pegs and rete ridges along the 

dermal-epidermal junction increasing the surface contact area between the 

epidermis and the skin and the reticular dermis mainly composed of a dense 

collagen and elastic fiber network [60]. 

Fibroblasts, the most abundant cell type in the dermis, are subject to  

dynamical and reciprocal cell-cell communications and cell-matrix interactions that 

play an important role in skin homeostasis [61]. They are able to secrete soluble 

factors that impact BM organization [56,62], keratinocytes proliferation [7] and 

epidermal differentiation [63]. Moreover, they are responsible for the synthesis of 

the ECM main components and the constant remodeling of the skin. Fibroblasts 

secrete and organize type I and III collagens, elastin, fibronectin, tenascin and 

proteoglycans to form the ECM [64]. Interactions between the ECM and fibroblasts 

are especially crucial during wound healing, where fibroblasts are activated into 

contractile cells, myofibroblasts. The same ECM molecules produced by the 

fibroblasts simultaneously act to modify the function of fibroblasts. In this sense, 

the interaction of the fibroblast with the ECM can be thought of as a form of 

autocrine regulation that is crucial in the process of wound healing [65]. 

I.I.IV. The extracellular matrix  

Cells are embedded in a ground substance in which polysaccharides and 

proteins are linked to produce a macromolecular network with a remarkable 

capacity to retain water, known as the ECM [44]. The extracellular components 

can be divided into fiber-forming structural molecules, non-fiber-forming and 

“matricellular proteins” which do not have a structural function but are related to 

cell-matrix interactions (Figure 5). Fiber-forming proteins create a complex three-

dimensional framework of rigid and elastic proteins while the non-fiber-forming, 
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mostly proteoglycans and glyscosaminoglycans (GAGs) create a charged, dynamic 

and osmotically active hydrated space. Since matricellular proteins act as 

temporally dynamic signaling molecules, they are often absent or present in low 

levels in normal skin and up-regulated after tissue injury [65]. Cells are able to 

adhere to the ECM network via interaction with receptors such as integrins, 

discoidin domain receptors and heparan sulfate proteoglycans (syndecans) [66].  

 

 

Figure 5. The extracellular matrix of normal skin. Fiber-forming proteins and 
collagens define the rigid mechanical structure of the skin, while elastic fibers its elasticity. 
Proteoglycans and glycoproteins create an osmotically active hydrated space. Matricellular 
proteins do not contribute to the mechanical structure of the ECM but instead act as 
paracrine signaling molecules. Proteins as vitronectin, fibrin and fibronectin beside 
structure promote cell adhesion and are especially present during wound healing. 
(Obtained from Tracy et al., [65])  

i) Glycosaminoglycans  

Glycosaminoglycans (GAGs) are composed of different linear polysaccharide 

chains composed of specific disaccharide units. They include chondroitin sulfate, 

dermatan sulfate, keratan sulfate, heparan sulfate, heparin, and hyaluronic acid 

(HA) [65]. In general, proteoglycans consist of a core protein that is bound to one 

or more GAG side chains. Except for HA, which is synthetized as a single 

polysaccharide chain without a core protein, GAGs are heavily crosslinked to a 

proteoglycan core protein and synthesized by glycosyltransferases and 

sulfotransferases. Because GAG chains contain numerous negatively charged 

carboxyl and sulfate groups, they are capable of hold great quantities of water 

molecules. In particular, HA is able to hold 1000-fold of its molecular weight in 
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water [67]. These hydrophilic glycoproteins and proteoglycans in conjunction with 

the HA are distributed throughout the dermis maintaining skin hydration [68].   

ii) Collagens fibers  

Collagens are the most prevalent fiber-forming proteins, comprising 77% of 

the fat-free dry weight of human skin [69]. Although 28 types of collagen have 

been identified, type I and III collagens, compose approximately 90% and 10% of 

the total collagen in the skin, respectively [65]. Type I collagen is observed as 

thick bundles in the reticular dermis, while type III collagen is observed as thin 

fine-woven meshwork of collagen fibers underlying the epidermis and near 

vascularized areas in the dermis [60].  All collagen molecules are formed by a triple 

helix formed of three α chains twisted around each other and mainly stabilized by 

hydrogen bonds and inter- and intra-molecular forces. A key motif of all triple 

helical structure of the collagen molecules is the repeating glycine at every third 

position (Gly–X–Y)n with X and Y being one of the 21 amino acids each, commonly 

proline and hydroxyproline [70]. Fibrillar collagens are synthesized in the 

intracellular space by fibroblasts in the form of precursor molecules, procollagens. 

Once in the extracellular space, cleavage of procollagen leads to spontaneous 

assembly into fibrils which are subsequently stabilized by the formation of covalent 

crosslinks (Figure 6). Finally the fibrils are associated as fibril bundles of fibers 

[70]. Collagen fibers are formed of heterogeneous mixtures of different collagen 

types, but as previously mentioned predominantly type I collagen [64]. Besides 

providing tensile strength to the dermis, collagens are also implicated in cell-ECM 

interactions since they can regulate cell adhesion, support chemotaxis and 

migrations and guide tissue formation [64]. 
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Figure 6. Fibrillar procollagens and fibril assembly. The N- and C-terminal processing 
of procollagen lead to a spontaneous assembly of collagen fibrils, which are subsequently 
stabilized by the formation of covalent crosslinks. (Obtained from Hulmes, et al., [70])  

iii) Elastic fibers  

To contribute to the resistance, elasticity and resilience of the skin, long 

crosslinked elastin fibers are intertwined with the relative rigid collagen fibers [65]. 

While elastin fibers are found in smaller proportions compared to collagen, they 

facilitate the relaxation of skin after removal of an external load giving the skin the 

ability to be both compliant (readily deformable) and resilient (able to recoil) [71]. 

Elastic fibers consist of two morphologically distinct components elastin and 

microfibrils [72]. Elastin is the main component of the elastic fibers and is formed 

of the assembly and crosslinking of its soluble precursor, tropoelastin, in a process 

known as elastogenesis [73]. Human tropoelastin is encoded by a single-copy 

gene, ELN, which possess 35 exons to give rise to multiple isoforms. Its amino acid 

sequence is divided into two major alternating domains:  crosslinking and 

hydrophobic domains (Figure 7). Hydrophobic domains are rich in nonpolar 

residues glycine, valine and proline, typically occurring in repeating motif. 

Crosslinking domains are mainly characterized by lysine and alanine or lysine and 

proline [74]. Another important element of tropoelastin structure is the C-

terminus, where two cysteine residues forming a disulfide bond at the final domain 

36 and a terminal positively charged RKRK sequence which is implicated in fiber 

assembly [75]. Other motifs such as the sequence XGXXPG present in tropoelastin 
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play an important role binding to the elastin binding protein (EBP) and eliciting 

biological responses [73].  

 

Figure 7. Domain map of human tropoelastin containing all possible exons. 

Crosslinking domains are further divided into KP- and KA- rich regions. Domain 36 is 
assigned differently because of its unique structural features. (Obtained from Wise and 
Weiss et al., [74])  

 

In the skin, tropoelastin is secreted by fibroblasts and is chaperoned by the 

EBP to the plasma membrane to prevent intracellular aggregation. Once secreted 

in the extracellular space, tropoelastin monomers spontaneously self-assemble 

through a process known as coacervation [76]. This phenomenon is the result of 

specific interactions between the hydrophobic domains induced by an increase of 

its local concentration (Figure 8). Coacervation of tropoelastin is optimal at 37°C 

(lower critical solution temperature) in a pH range of 7-8 in physiological salt 

conditions [74]. The coacervates are then crosslinked to form insoluble elastin 

through the action of the lysyl oxidase family of amine oxidase (also implicated in 

collagen crosslinking). Further crosslinking and deposition onto microfibrils 

network, mainly composed of fibrillins,  leads to the maturation of the elastic fibers 

[77]. Elastic fibers are arranged into three distinct types of fibers within the dermis. 

In the papillary dermis, oxytalan fibers, poor in elastin, are shaped into small, 

finger-like vertical projections. Deeply in the papillary dermis, elastic fibers 

gradually incorporate elastin to form elaunin fibers, while mature elastic fibers with 

high elastin content are located in the reticular dermis and are aligned in a 

horizontal network parallel to the skin surface, as shown in Figure 5 [78]. 
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Figure 8. Coacervation of Tropoelastin. Tropoelastin molecules undergo self-assembly 
in two main stages: the initial phase separation and the maturation stage. During the 
reversible initial phase separation stage, aqueous solutions of tropoelastin that have 
reached the lower critical solution temperature (LCST) form 1-2 µm spherules that 
aggregate in ~6 µm coacervates. Then in the maturation stage, the coacervated aggregate 
into larger coalesced species and then form branched fibrillar structures. (Right) Scanning 
electron micrographs of tropoelastin A) spherules, B) full-sized coacervates, C) and D) 
coalesced species. (Obtained from Wen and Weiss et al., [79])  
 

Elastin has a half-life of around 70 years, during which it can go through 

billions of extensions and relaxation cycles without losing its function [30,80]. Most 

of the elastin formation in mammals occurs during the late foetal and early 

neonatal periods, and at maturity new elastin productions ceases [74]. During 

injury the production of tropoelastin can be induced by a range of soluble factors 

such as insulin-like growth factor-1, tumor necrosis factor-α, interleukin-1β and  

transforming growth factor beta (TGF-β) [73]. Despite the rise in elastin expression 

upon injury, which can only be detected several months after the initial wound 

healing stages, the formation of the new elastin network is disrupted, contributing 

to the reduced elasticity and  even loss of function of matures scars [73]. Elastin 

fragments generated upon injury and wound healing, which can induce biological 

responses as active ligands, are known as elastokines [81]. In this manner, 
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tropoelastin and elastin peptides are capable of interacting with cells and impacting 

cellular functions such as cellular attachment, proliferation, differentiation, 

phenotype, chemotaxis and migration [31,73,81]. The two main receptors 

mediating intracellular cell signaling in response to  tropoelastin or its proteolytic 

peptides are the EBP and the αvβ3 integrin [73]. 

iv)  Integrins  

Integrins function as the principal receptors of animal cells and many of the 

ECM adhesion molecules. They are a large family of transmembrane cell surface 

molecules able to link the macromolecules of the ECM with the cell’s cytoskeleton, 

promoting cell adhesion to the ECM. They are also involved in the binding of 

proteases and cell-cell adhesion mechanism [82]. Integrins are composed of non-

covalently associated α and β subunits, the combination of this subunits 

determines the ligand specificity of the integrin [83]. A great number of integrins 

(e.g. αvβ3, α5β1) have been shown to bind to ECM molecules via the sequence RGD 

(Arg-Gly-Asp) present in ECM proteins such as fibronectin, vitronectin and in a less 

important manner in collagen and laminin. The process of integrin mediated cell 

adhesion comprises a cascade of four different partly overlapping events: cell 

attachment, cell spreading, organization of actin cytoskeleton, and formation of 

focal adhesions [84]. 

Integrins are able to transmit information across the cell membrane through 

the focal adhesion kinase axis, working as critical regulators of other cell functions 

beside cell adhesion and migration [85]. In the epidermis for example, integrin 

expression assures stem cell anchorage and can regulate cell fate. Loss of contact 

with the ECM or reduced integrin expression in adherent cells triggers terminal 

differentiation of cultured epidermal cells [86].  

I.I.V. Mechanical properties of the skin  

The skin is subject to constant mechanical stresses, including stretch and 

compression due to body movement. The ECM provides the structural support, 

which allows the skin to withstand external forces without compromising its 

integrity and function [87]. Although several groups have evaluated the skin 

mechanical behavior, there is certain discordance in what is reported in the 

literature. The most widely used methods to determine the mechanical behavior of 
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skin are tensile, indentation, suction and torsion tests. However, new techniques 

like shear-wave elastography and optical coherence tomography have recently 

been used. When comparing the values obtained for skin, several factors must be 

considered as the method of measurement, experimental set up (in vivo or in 

vitro), measurement parameters and origin of the biological material (e.g age, 

body location). As shown in Table 1, Young’s modulus is typically measured 

between 6-15 kPa by indentation tests. However, values for tensile and torsion 

indicated greater Young’s modulus values ranging between 20 kPa to 140 MPa. 

Moreover, it has been extensively demonstrated that skin aging impacts the 

mechanical properties of the skin. With aging, collagen fibers tend to 

inappropriately crosslink through glycation, contributing to tissue stiffening [65]. 

While skin rigidity is increased, its elasticity is reduced [88].  

The skin typically behaves as a viscoelastic material, which combines the 

term “viscous” that implies a slow deformation when exposed to an external force 

and the term “elastic’ which implies that once the deformation has been removed, 

the material returns to its original configuration [59]. While the dermis provides 

the viscoelasticity properties to the skin, it has been shown that the epidermis also 

contributes to the mechanical behavior by providing an elastic rigidity that can be 

specially observed when comparing tensile and indentation measurements [103]. 

Pailler-Mattéi et al. investigated different mechanical models to determine the 

effects of the underlying tissue layers and developed a two-layer elastic model for 

mechanical analysis that considered the epidermis contribution [104].   
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Table 1. Young’s Modulus of skin obtained using different techniques, parameters 
and sample source. (Comparison against young and old skin when available.)  

 

 
Young 

modulus 
(kPa) 

SOURCE SAMPLE METHOD REF 

420, 850 Young (<30 years) 
and old (>30 years) In vivo 

Torsion test 
(28.6x10-3N*m) [89] 

14.38±3.6, 
6.20 ±1.4 

Forearm Young 24 
years and old 60 

years 
In vivo 

Airflow device (non-contact 
method) indentation 

[90] 

10.7±2.6, 7.2 
±2.1 

Forearm young (18-
30 years) and old 

(51-70 years) 
In vivo Dynamic indentation test [91] 

14x103, 
14x104, 
35x103 

Forehead (85 years) Ex vivo 

Dynamic tensile test 
(2m/s) 

Longitudinal, transverse 
and shear strain 

[92] 

83.3x103 Back Ex vivo 
Dynamic tensile test 

(2m/s) [93] 

4X103 ± 0.3 Abdomen Ex vivo 
Quasistatic tensile test 

(0.16mm/s) [94] 

125±88 Forearm  In vivo Suction 100mBar [95] 

56 Forearm In vivo  
Suction ultrasound 

detection [96] 

24.9, 101.1, 
68.6 

Palm, volar forearm, 
dorsal forearm In vivo  

Optical coherence 
tomography  [97] 

20-100 
Forearm between 6-

61 years  
In vivo  Torsion test [98] 

19.1 -25.2 Scalp Ex vivo Tensile test [99] 

     

23.5 Thigh Ex vivo Compliant supported beam [100] 

1560 – 3100 Neck In vivo 
Combination of resonance 
imaging (MRI) and finite 
element modeling (FE) 

[101] 

30.3, 14.8 
and 9.5 

Finger, forearm, 
chest In vivo  

Shear wave elastography 
(SWE) [102] 
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The structural support and viscoelastic behavior of the dermis is linked to 

fibrillar proteins such as collagen and elastin fibers [105]. As observed in Figure 9, 

stress-strain behavior of the skin can be explained in three phases: first, skin 

shows a linear stress-strain relationship and low Young’s modulus since the elastic 

fibers offer low resistance to the applied strain, while collagen fibers remain tangled 

and intertwined not contributing to the stiffness. Then collagen fibers start offering 

some resistance to the deformation and begin to stretch introducing non-linearity 

to the stress-strain curve. Finally, at higher strain, linear stress-strain relationship 

in once again observed until breakage of collagen fibers. In this manner, the 

collagen fibrils contribute to the resistance to stress and elastin ability to recoil 

[71]. 

 

Figure 9. Schematic diagram of typical stress-strain for skin. Showing the associated 
collagen fiber morphology. (Obtained from Kalra, et al., [59]) 
 

Skin cells can actively sense the physical properties of their environment 

and respond by activating signaling cascades that control cell fate and function 

[106]. Therefore, nowadays, substrate rigidity is a critical design parameter in the 

development of bioengineered constructs to elicit maximal cell and tissue function. 

 

I.II. Applications of tissue-engineered skin equivalents  

In general, skin equivalents are used for three main applications: i) as skin 

replacement for clinical applications, ii) as models to study the effect of chemical 

agents or finished products on skin and iii) as three-dimensional models to study 

cell interactions.  
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I.II.I. Clinical applications   

The use of engineered skin has emerged as a promising option for the 

treatment of skin loss, especially in the case of large area injuries such as deep 

burns covering more than 60% of the body when autologous transplant sources 

are not sufficient [107]. They have also been employed in the cases of chronic 

wounds associated with aging and diabetes, considered for scar revision or 

prevention, corrections of pigmentation defects and in the treatment against 

blistering diseases [5,108,109]. While some products have been shown to reduce 

morbidity and improve clinical outcomes after injury, no single skin substitute 

currently on the market has been demonstrated to fully restore normal skin 

structure and physiological function. Main drawbacks are lack of aesthetics and 

excessive scarring due to “wound contraction” and reconstruction of a poorly 

organized ECM network resulting in loss of functions and lack of elasticity [40].  

Moreover, economic and regulatory challenges surround the application of 

skin engineered products. Tissue-engineering products do not fit in healthcare 

models for developing medical devices of pharmacological products [108]. 

However, in recent times rules and regulations have been the subject of 

considerable discussion [40]. Current available tissue-engineered skin products for 

clinical applications can be categorized into three groups: i) Epithelial sheets, 

where keratinocytes are grown into sheets, made into a suspension and sprayed 

onto the wound site or delivered on carriers like collagen or synthetic polymers. 

They are usually used in the case of superficial wounds [39]. Secondly, ii) split-

thickness grafts, where grafting is done in two separate procedures, a dermal 

component is grafted to the patient, before applying an epidermal equivalent. 

Finally, small number or products have been developed that can provide both the 

dermal and the epidermal layers, known as iii) full-thickness skin equivalents. In 

this case, the reconstructed skin is produced on the laboratory securing the 

attachment between the keratinocytes and the dermis compartment [40].  

Table 2 shows some examples of available products for clinical applications 

in the different groups previously described.  
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Table 2. Current available tissue-engineered skin products for clinical 
applications.  

 
Epithelial sheet 

Dermal replacement for 
split-thickness 

Full thickness skin 
equivalents 

• Epicel: biopsy of patient’s cells 
grown into a sheet and 
enzymatically detached to be 
delivered to the patient. 
• Myskin: cells are delivered to 
the patient on a carrier dressing 
before reaching confluence.  
• Epidex: sheets formed from 
patient’s hair follicles are 
delivered to the patient.  
• CellSpray: subconfluent cells 
are expanded and made into a 
suspension which is then 
delivered into the patient’s skin as 
a spray. 
• Celaderm: allograft with 
keratinocytes from neonatal 
foreskin. 
• Laserskin: matrix of hyaluronic 
acid with patient’s keratinocytes.  

• Integra:  dermal matrix 
of bovine collagen and 
glycosaminoglycan with an 
epidermal substitute made 
of thin poly(silicone). 
• Alloderm: freeze dried 
human donor dermis.  
• Dermagraft: synthetic 
knitted polymer 
conditioned with 
fibroblasts. 
• Transcyte: like 
dermagraft but uses a 
silicon nylon mesh 
membrane.  
• Endoform: xenograft 
ECM composed of a mix of 
biological substrates. 
 

• Apligraf: allogenic 
keratinocytes and 
fibroblasts in a bovine 
collagen matrix.  
• Permaderm: 
autologous 
keratinocytes and 
fibroblasts in a 
reconstructed skin made 
of bovine collagen.  
• Orcel: neonatal 
fibroblasts and 
keratinocytes culture in 
a collagen sponge. 
 

I.II.II. In vitro skin models  

In the early 2000s the EU’s 7th Amendment “Cosmetic Directive” prohibited 

animal testing of finished products or cosmetic ingredients regardless of the 

availability of alternative non-animal tests [1]. This circumstance worked as a 

catalyst to further develop skin equivalents as in vitro models. Since then, several 

models for the assessment of the toxicity and irritation potential of chemical agents 

and products topically applied in the skin have been standardized and validated by 

the European Center for the Validation of Alternative Methods (ECVAM) [2,40]. The 

first validated models simply determined the corrosion potential of chemical 

agents, then more complex models considering the metabolic reaction of the skin, 

cytokines and enzymes release were developed and are routinely used in the 

industry [110]. Penetration potential has also been studied in skin models; 

however, skin substitutes frequently exhibit higher permeability than native human 

skin due to differences in lipid bi-layer composition [111,112]. For the same 

reasons while skin equivalents are widely used in the cosmetic industry, they have 
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only recently been contemplated in the pharmaceutical industry for drug discovery 

[2,112].   

Besides enabling hazard assessment, skin equivalents have also made 

progress in the fundamental processes of skin formation and homeostasis. 

Although the great majority of skin substitutes used in the cosmetic industry are 

only composed of an epidermal layer, the addition of the dermal layer containing 

fibroblasts to obtain full-thickness skin substitutes was of great value for the 

investigation of complex dermatological questions, where the molecular crosstalk 

between the keratinocytes and the fibroblasts is crucial or when the epidermis and 

dermis are equally involved. It was demonstrated that cell growth of both 

fibroblasts and keratinocytes is regulated by a double-paracrine mechanism [7]. 

Moreover, fibroblasts are able to secrete soluble factors that influence BM 

formation [62,113], epidermal histogenesis and epidermal differentiation 

[114,115]. These in vitro three-dimensional models allow the study of complex 

cell-cell and cell-ECM interactions since cells are arranged in a 3D physiological 

environment and in contact with different cell types and the surrounding matrix. 

While several full-thickness skin substitutes are commercially available (Table 3), 

researcher have developed their own models to answer more fundamental 

questions.  

 

Table 3. Commercially available full-thickness skin substitutes.  

Brand name/ 
manufacturer 

Scaffold 
material 

Cell source Applications 

EpiDermFtTM/
MatTek 

Corporation 
Collagen 

Human keratinocytes 
(neonatal foreskin, adult 

breast skin), human 
fibroblasts (neonatal 

skin, adult skin) 

Corrosivity, irritation, 
phototoxicity, anti-aging, 

wound healing, skin 
hydration and UV protection 

Phenion®FT, 
LONG-LIFE 
and AGED 
Models/ 
Henkel 

Bovine 
collagen 

Human keratinocytes 
and fibroblasts (neonatal 

foreskin) 

Genotoxicity, wound 
healing, skin penetration, 

UV exposure 

StrataTest®/ 
Stratatech 

Collagen I 
Immortalized human 
NIKS® keratinocytes 
and dermal fibroblasts 

Toxicological assays (no 
longer available)  

T-SkinTM/ 
EPISKIN 

Collagen I 
Human keratinocytes 
and fibroblasts (adult 

breast skin) 

UV Exposure, genotoxicity, 
bacterial adhesion, omics, 

permeability 
Advanced Skin 

Test 2000/ 
LifeLine Cell 
Technology 

Polycarbona
te collagen 

coated 

Human keratinocytes 
and fibroblasts (neonatal 

foreskin) 

Genotoxicity, phototoxicity, 
sensitization, drug 

metabolism, wound healing 

MIMESKINTM/ 
 BASF 

Col-GAG-
Chi 

Human keratinocytes 
and fibroblasts 

(no longer for sale, only for 
internal use) 
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 Beside fibroblasts, the incorporation of other cell types in skin equivalents 

like melanocytes to study the reaction of skin to UV [116], Langerhans cells to test 

immunological reactions [3], nerves and immune cells to establish a neuro-

immuno-cutaneous system [117] and endothelial cells to create angiogenesis 

models to study the effect of pro-angiogenic factors, have been developed 

[118,119].  Aside from the healthy state of the skin, it is also possible to simulate 

pathological conditions. Researchers have developed psoriasis skin models by 

using fibroblasts and keratinocytes isolated from patients afflicted by this disease 

or by induction of features of psoriasis in healthy keratinocytes [109]. Melanoma 

cells were also successfully embedded into skin substitutes to develop melanoma 

skin models [120,121]. Other examples are the use of skin models to study wound 

healing [4] and pathological infections (e.g. Candida albicans, herpes) [122,123]. 

And more recently the incorporation of the native skin microbiome into skin models 

is greatly attracting interest among researchers in academia and in the industry 

[124]. In Table 3, a list of commercially available full-thickness skin equivalents 

details their common routine applications in the industry, however, several 

research groups have also developed their own models to answer more 

fundamental questions, which are not available commercially.  

I.III. Protocol to produce in vitro full-thickness skin equivalents 

Reconstructed human epidermis consists exclusively of a multilayered 

epidermal construct, whereas full-thickness skin models constitute an epidermis 

grown upon a dermal layer. Usually, fibroblasts are either encapsulated within ECM 

components like collagen or fibrin [9,13,115] or seeded on top of a matrix 

(synthetic or natural scaffolds) and cultured for a few days to weeks to allow cell 

migration into the scaffold and obtain a dermal component [125,126]. As observed 

in Figure 10, keratinocytes are then seeded on top of the dermal equivalent, 

cultured under submerged conditions for a few days and finally exposed to the air, 

process commonly known as the air-lift or air-liquid interface, resulting in the 

formation of a differentiated and stratified epidermis.  
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Figure 10. Culture process scheme of full-thickness skin equivalents. A) Dermal 
matrices (synthetic or natural) with or without embedded fibroblasts are cultured under 
submerged conditions within a culture insert. B) Once the dermal equivalent is formed, 
keratinocytes are seeded on top of the dermal matrices. C) After a few days of submerged 
culture in a proliferative medium, the culture is exposed to the air allowing the media to 
perfuse only through the dermal compartment and a differentiation medium is used. D) 
Air-liquid interphase culture results in keratinocyte’s differentiation and formation of a 
stratified and cornified epidermis. (Obtained from Sriram et al., [61]) 
 

This delicate multistep procedure involves complex cell dynamics where the 

culture conditions and materials will play an essential role. Once keratinocytes are 

seeded, different and specific cell media are used to promote either cell 

proliferation or differentiation. First keratinocytes proliferation is promoted under 

submersion with the addition of growth factors such as keratinocytes growth factor 

(KGF) or epidermal growth factor (EGF) [47]. Supplements as the EGF, ensure the 

persistence of epidermal keratinocytes growth in vitro, binding specific cell-surface 

receptors that have been detected in the basal layer of the epidermis [44]. During 

air-liquid interphase, serum depletion plays an important role to form a stratified 

epidermis. In addition, cultivation at air-liquid interphase implies that the oxygen 

in the air is more directly at the disposal of epidermal cells, mimicking so the 

conditions of native skin and increases epidermal morphogenesis and synthesis of 

membrane-coating granules [127]. Since several signaling pathways involved with 

keratinocytes differentiation are regulated by calcium concentration, its content in 

the medium is increased to promote differentiation and stratification during air-lift 

[46].  Calcium is known to promote keratinocyte proliferation under 0.1 mM and 

to encourage keratinocyte differentiation at higher concentrations [46]. Other 

medium supplements that have been recognized in epidermal morphogenesis 

include hydrocortisone, triiodothyronine, vitamin D, retinoic acid,  insulin and 

progesterone [61]. In vitro, vitamin D3 and triiodothyronine show antiproliferative 

and pro-differentiating effects [128,129]. Also Vitamin C has been shown to 

promote keratinocytes differentiation [130], fibroblast proliferation and collagen 

synthesis [115]. As well, the incorporation of essential fatty acids as media 
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supplements has also been evaluated to promote the formation the skin barrier to 

reproduce in vitro the lipid composition observed in native skin [55]. 

Protocols usually rely on complex “in-house” media containing multiple 

additives of the previously mentioned [131]. Cell medium volume and components 

need to be fine-tune to the thickness and porosity of the material. In the case of 

commercial models (e.g. Epiderm-FT, Phenion full thickness and T-skin) models 

arrive pre-made with their specific medium ready for a multiple of standardized 

tests but lack the flexibility to be tailored for more specific applications. Usually, 

on arrival, commercial models are just removed from transport vessels are placed 

on air-lift interphase as shown in Figure 11 and used following protocol 

instructions.  

 

 

Figure 11. Phenion® FT skin model Air-Lift procedure. A) Skin equivalent is removed 
from transport vessel using sterile forceps. b) Skin equivalents are placed on top of a pre-
soaked filter paper for subsequent culture on the air-liquid interphase. (Modified from 
Phenion instruction for use, [132])  
 

Cell source can also play a role in the ability to generate a reproducible 

stratified epidermis. Both donor source as well as the supplements in culture media 

influence the formation of a favorable lipid profile [55,133]. Most commercial in 

vitro products, as shown in Table 3, use primary cells. While primary cells can be 

unpredictable, attempts to use cell lines, such HaCaT cells have shown a 

disorganized epidermal morphology [134,135]. However, recently Reijders et al. 

were able to successfully develop a full-thickness models using TERT-immortalized 

keratinocytes [136].  
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I.IV. Current materials evaluated for tissue engineered full-

thickness skin equivalents  

Since the 80’s when Bell et al. established the first skin equivalent, where 

fibroblasts were seeded into collagen lattices [9], few materials other than collagen 

have obtained as much success. Full-thickness skin equivalents available in the 

market for either clinical applications or as in vitro skin models are mostly made 

of collagen (Table2 -Table 3). To circumvent the main first setbacks observed with 

collagen lattices, such as matrix contraction and weak mechanical properties, 

collagen has been further crosslinked by chemical agents, either with itself or with 

a mixture of natural or synthetic polymers [6,12,137]. For example, crosslinking 

of collagen hydrogels with succinimidyl glutarate PEG (PEG-SG) reduced 

fibroblasts-mediated contraction and increased scaffold stability to obtain a 

suitable skin equivalent, however, collagen fibril structure was altered [13]. 

Common crosslinking agents like glutaraldehyde and formaldehyde allow a rapid 

crosslinking easily controlled by the acidic environment but can cause cytotoxicity 

[138] and techniques to eliminate residual chemical agents can be expensive and 

long [139]. Carbodiimide is a successful non-cytotoxic crosslinker, however, since 

it binds the free primary amino groups and cell-reactive carboxylates anions, it 

diminishes some of the essential cell-binding motif of collagen scaffolds [140,141]. 

Another simple way to introduce crosslinks and increase the strength of collagen 

networks is through physical techniques such as UV irradiation [142], heating 

(dehydrothermal treatment DHT) [143] or freeze drying [144]. This results in 

weaker bonds compared to chemical methods and require long reaction times. 

Although all these methods can increase tensile strength and degradation profile 

of collagen, its native properties can be lost during crosslinking process and 

encapsulation of cells can be limited [141]. Recently introduced techniques, such 

as enzymatic crosslinking, which does not modify the collagen structure are 

extremely expensive [145].  

Because of its availability and biocompatibility,  type I collagen main source 

of extraction is bovine [146].  For the moment, bovine collagen is approved by the 

US Food and Drug Administration (FDA) as risk of pathogen transfer is considered 

low when extracted from countries where herds are known to be free of bovine 

spongiform encephalitis (BSE) [39]. However, the spread of this disease could limit 

the availability of collagen in the future. Moreover, organizations against animal-
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cruelty and animal testing in the cosmetic industry will eventually push towards 

animal-free models with synthetic alternatives [147]. Nonetheless, progress in 

purely synthetic materials for these types of applications is scarce. Table 4 shows 

a summary of the synthetic polymers that have been evaluated as scaffolds for 

full-thickness skin equivalents. Few innovative synthetic materials have been 

developed for this type of application, most of the synthetic polymers used to 

create dermal equivalents date from the late 90’s, early 2000’s. Surprisingly, few 

synthetic hydrogels have been evaluated in this regard, mainly synthetic polymers 

have been used as knitted mesh or fiber matrices. Limited clinical success of 

synthetic polymers is often related to the lack of biological signals to promote cell 

attachment and proliferation, therefore, synthetic polymers are usually combined 

with natural substrates to produce suitable scaffolds [148].  For instance, while in 

PEGT/PBT scaffolds keratinocytes migrated into the pores forming cysts, epidermis 

histogenesis was improved by incorporating a fibroblast-collagen mixture into the 

pores before seeding the keratinocytes [149]. Also polycaprolactone copolymer 

was evaluated as a dermal substitute [150] but further exploited as a 

collagen/polycaprolactone composite [151]. Just recently, Roger et al. evaluated 

the ability of dermal fibroblasts to grow and deposit ECM proteins within a 

polystyrene Alvetex scaffold (without introducing any exogenous ECM 

components) as a dermal layer to produce a full-thickness skin equivalent. While 

some fibroblasts infiltrated the scaffold, a majority formed 3D layers on the surface 

[125]. 
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Table 4. Synthetic materials evaluated for skin engineering applications. 

 

Scaffold material   Applications 
Advantages  
& Disadvantages 

Ref 

Polyglycolic acid 
mesh  
(Dermagraft) 

Knitted 
mesh 

Skin Graft 
for small 
ulcers 

-Degradable after 
implantation  
-Absorbable PLGA scaffold 
-Not viable for in vitro tests 
-Surface hydrophobicity and 
limited cell adhesion 

Hart et al. 
2012 
[152] 

Poly(ethylene 
glycol 
terephthalate) 
(PEGT) and 
poly(butylene 
terephthalate 
(PBT) 

Porous 
films  

Skin 
substitute  
in vivo  

-Polymer use in clinic for 
other applications 
-Hyperproliferative 
epidermis  
-Basal lamina absent 
-Slow degradation 

Van Dorp 
et al. 
1999 
[153]  
Glalbzouri 
et al. 
2004 
[149] 

Polycaprolcatone 
(PCL)  

Sponge 
like 
sheet  

Dermal 
substitute  
In vivo 
studies 

-Long process  
-Degradation after 4 weeks 
implantation in guinea pigs 
-No further studies were 
made 

Bruin et 
al. 1990 
[150] 

Poly (lactic-co-
glycolic acid) and 
polycaprolactone) 
PLGA-PLC   

Knitted 
mesh  

Dermal 
equivalent 
in vitro  

-Low proliferation, difficulty 
to fill the space between the 
pores (0.5- 1 mm) 
-Not homogeneous cell 
distribution  

Ng et al. 
2004 
[154] 

Polyglycolic acid 
(PGL) and 
polyglactin (PGA) 
mesh  

Knitted 
mesh 

Dermal 
substitute 

-Dermal equivalent 
evaluated in vivo in mice 
-Resorbable by the body 
-Decreases pH of 
surrounding tissues 

Cooper et 
al. 1991 
[155] 

PEO/PBT and 
PLLA polyactive 

Co-
polymer 
film 

Skin 
substitute 
in vivo  

-Bilayer, fibroblasts in 2D  
-Low proliferation in pores 
-In vitro studies, in vivo 
biocompatibility unknown  

Beumer et 
al. 1993 
[156] 

Poly[lactic acid-
co-glycolic acid] 
(PLAGA) fibers 

Fiber 
matrix 

Dermal 
substitute 

-Effect in fiber diameter 
-In vitro cytotoxicity but no 
evaluation in vivo  
- Epidermal formation was 
not evaluated  

Kumbar et 
al. 2008 
[157] 

Poly (DL-lactide) 
(PDLLA)/PEG 
fibers 

Fibrous 
scaffold  

Dermal 
substitute 

-Fibroblasts were more in 2D 
than in 3D  
-Epidermal formation was 
not evaluated 

Cui et al. 
2009 
[158] 
 

Electrospun 
Polystyrene  
 

Fiber 
matrix  

In vitro 
studies 

-Non biodegradable 
-Keratinocytes formed 
stratified epidermis in the 
presence of fibroblasts 
(poorly defined) 

Sun et al.  
2005 
[159] 

Polystyrene 
(Alvetex) 

Porous 
scaffold 

In vitro 
studies  

-Commercially available  
-Used as a matrix for 3D cell 
culture on other applications 
-Protocol for skin 
equivalents in vitro 

 
Roger et 
al 2019 
[125] 
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II. Development of Biomaterials 

One of the key factors to develop an in vitro engineered tissue is the 

development of an adequate biomaterial that will serve as a three-dimensional 

architectural template to guide tissue formation and allow cell growth. There is no 

such thing as the perfect biomaterial, the target tissue and application will 

determine the optimal properties of the biomaterial [160]. However, in a general 

sense, these materials must mimic the native ECM, be biocompatible and have a 

suitable surface chemistry to allow cell bioactivity such as cell adhesion, migration, 

proliferation and differentiation. Different types of biomaterials have been 

developed and are currently used for a variety of tissue engineering applications, 

such as natural and synthetic polymers, ceramics, metals, composites and 

hydrogels [161]. Among the latter, hydrogels will be given the most consideration, 

due to their ability to mimic the gel-like viscous consistency of the ECM of soft 

tissues, such as the skin. 

II.I. Hydrogels  

Hydrogels are highly swollen hydrophilic polymers (Figure 12), particularly 

attractive as three-dimensional support for cell growth and tissue replacement, 

since they are capable of mimicking the highly hydrated and viscoelastic 

extracellular network [162]. In the skin, the ECM, mainly composed of a collagen 

network and water-filled ground substance, closely resembles the heterogeneous 

arrangement of a polymer network associated with water in a hydrogel [44]. 

Moreover, a wide number of hydrogels have shown to be biocompatible and 

permeable to oxygen and nutrients guaranteeing the maintenance of tissue 

formation [163–165]. Hydrogels can be prepared from various natural or synthetic 

materials. In addition, they can be subjected to different processing techniques to 

control their macro- and micro-structural properties to adequate to each 

application. 
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Figure 12. Representation of a hydrogel in its dry and swollen state.  

II.I.I. Natural and synthetic hydrogels  

Hydrogels can be produced from either natural of synthetic materials, each 

conferring different advantages or disadvantages to the biomaterial (Table 5). 

Synthetic materials used for tissue engineering scaffolds include: poly(ethylene 

oxide) (PEO), poly(vinyl alcohol) (PVA), poly(acrylic acid) (PAA), poly-(lactic acid) 

(PLA) and poly(ethylene glycol) (PEG) to name a few [166–169]. They have the 

advantage of having an exact composition and multi-tunable properties, but may 

lack bioactivity to promote cellular activities [164,170]. To address the lack of 

bioactivity, the polymeric networks are usually subject to surface modification to 

integrate cell-adhesion, degradation or growth-binding sites [84,162]. On the 

other hand, natural polymers confer to hydrogels their inherent ECM structure. 

They include; agarose, alginate, chitosan, collagen, fibrin, gelatin and hyaluronic 

acid [16]. However, they tend to show weak mechanical properties, batch-to-batch 

variability and risk of pathogen transfer [15,16]. Especially, hydrogels made of 

collagen for skin engineering applications tend to suffer fibroblast-mediated 

contraction and require further crosslinking procedures to increase its tensile 

strength [141]. Regardless of the progress achieved in this matter, synthetic 

materials display the best alternative to avoid batch-to-batch variability, risk of 

pathogen transfer and the ethical dilemma that emerges with the use of animal 

sources. Moreover, to be tailored individually towards specific medical needs, 

biomaterials require an improved and more flexible control over their properties 

which can be acquired with synthetic materials.  
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Table 5. Advantages and disadvantages of natural and synthetic Hydrogels. 
(Modified from Ng et al., [154]) 
 
 Natural matrix materials  Synthetic matrix materials  

A
d

v
a
n

ta
g

e
s
 

• Mimic natural ECM structure and 
composition.  
• Emulates the ECM native 
stimulatory effects.  
• Incorporation of natural growth 
factors and/or other matrix 
proteins. 

• Allow controllable degradation kinetics to 
suit different applications.  
• Control over mechanical properties, 
possibility to withstand cellular 
contraction.  
• Eliminate risks of pathogen transfer.  
• Allow controlled release of growth 
factors.  
• Control over shape, size using various 
processing techniques.  
• Reduce batch-to-batch variability  

D
is

a
d

v
a
n

ta
g

e
s
 

• Dissolve/degrade easily, and do 
not allow varied degradation 
kinetics. 
• Poor mechanical forces. 
• Require more elaborate 
modifications and processing 
techniques due to a more complex 
structure and lower tolerance to 
heat.  
• Batch-to-batch variability  
• Possible transfer of pathogens 
• Mostly obtained from animal 
sources, ethical dilemma.  

• Often do not possess natural bioactivity.  
• Can degrade to from by-products, which 
may rise to undesirable local environment.  
• Require surface modifications to improve 
cell-material interactions.  

II.I.II. Methods of production of synthetic hydrogels 

i) Hydrogel networks 

The structural integrity of hydrogels depends on the crosslinks formed 

between the polymer chains that can be either chemical bonds or physical 

interactions [171]. Physical hydrogels are non-convalently crosslinked networks 

formed by molecular entanglements, such as hydrogen bonds or intramolecular 

interactions due to changes in the external conditions (e.g. pH, temperature, shear 

stress…). While these hydrogels benefit from reversibility and absence of chemical 

reactions, they have several disadvantages such as lower stability and mechanical 

properties compared to chemically crosslinked hydrogel [164]. For example, 

PNIPAAm and poly(2-oxazoline) form reversible thermoresponsive hydrogels by 

hydrogen bonds but collapse above a specific temperature [172].  Inspired by the 

understanding of protein self-assembly, recombinant peptide blocs have been 
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designed to form self-assembly hydrogels through the formation of physical bonds. 

They are of interest for biomedical applications since they are derived from 

recurring amino acid sequences found in proteins [173].   

Contrary to physical gels, chemical hydrogels are formed by covalent bonds 

through Michael-type addition, click chemistry, Schiff-base crosslinking, disulfide 

crosslinking, photo-crosslinking and enzyme-mediated crosslinking. This  reactions  

allow to increase the stability and mechanical strength of the hydrogel’s bonds 

[174]. These covalent bonds form stable networks with tunable mechanical 

properties. However, biocompatibility and safety issues must be considered 

depending of the chemical reagent used during the chemical reaction [164]. The 

most commonly applied synthetic hydrogel polymers for tissue engineering, PEO 

and PEG, which share a similar chemical structure, are currently FDA approved for 

several medical applications [171]. PEG hydrogels can be crosslinked through 

various paths, in which the PEG molecules are either functionalized with reactive 

end-groups and activated by initiators or associated with multifunctional 

monomers [19].  

 Besides the intrinsic characteristics related to the chemical formation of the 

network (such as swelling, bulk mechanical properties and degradation), the ability 

of cells to colonize the hydrogel can play an important role in the possibility to 

create a new tissue [161]. In optimal conditions, crosslinking chemistry is mild and 

do not induce cytotoxicity, thus enabling encapsulation of cells within the hydrogel 

to obtain a homogeneous cell distribution [171]. To further allow cell colonization, 

some groups have incorporated protease-sensitive degradation sites in the 

polymeric network to promote cell migration [175]. Otherwise, cells can be seeded 

into the biomaterial after creation, but the hydrogel then needs to display 

sufficiently large and interconnected pores to allow the cells to penetrate and 

infiltrate the polymeric matrix [176]. Diverse fabrication methods can be employed 

to control the degree of porosity and pore interconnection to obtain an adequate 

macroporous structure for cell infiltration and nutrient diffusion [176–178].  

 

ii) Macroporous structure  

Porosity, pore size and interconnectivity of hydrogels can be tuned by using 

different pre- and post-fabrication techniques. Techniques like freeze drying, gas 

foaming or particulate leaching have been used to introduce macro scale pores into 

hydrogels [160]. Freeze drying is one of the most inexpensive ways to induce 
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porosity in hydrogels, but the exact size and form of pores are difficult to control, 

since variations of the lyophilization parameters control the porosity, pore size, 

architecture and final mechanical properties [144,179]. In foaming technique, high 

pressure CO2 is blown into the hydrogel to form bubbles, which will form the pores 

[180]. This technique has the advantage of being organic-solvent-free but is 

expensive and often generates poorly interconnected structures. It is consequently 

sometimes combined with salt leaching [181]. In particulates leaching techniques, 

salt, wax and sugar are commonly used as porogens to create the pores. Porogens 

of a desired size are poured into a mold, then the polymer is cast into the mold, 

and porogens are dissolved using a suitable solvent, leaving behind a porous 

network [160,182]. For example, the use of paraffin microspheres as porogens 

favors the use of nontoxic solvents (such as ethanol) and results in interconnected 

pores [183]. Pore size can easily be tailored by controlling the amount, size and 

shape of the porogens [160,182]. Paraffin-leaching has the advantage to produce 

spherical-shaped pores with well-controlled interpore connectivity contrary to salt-

leaching where pore shape is limited to the cubic crystal shape of NaCl salt [183]. 

II.II. Dendritic polymers  

Because of their properties and versatility, dendritic polymers are ideal 

candidates for incorporation into tissue engineering scaffolds; however, examples 

on this type of application are scarce [184]. Dendritic polymers are highly branched 

polymers with three-dimensional architectures. Dendritic polymers can be 

classified into three classes: dendrimer, dendrigraft and hyperbranched polymer 

(Figure 13).  

 

Figure 13. Dendritic polymers; dendrimer, dendrigraft and hyperbranched 

polymer. Each dot represents a monomeric building block, and each generation is 
highlighted with a distinct color. (Obtained from Francoia, et al., [25]) 
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Dendrimers are macromolecules obtained after a generational synthesis, 

resulting into the formation of theoretically monodisperse structures. In 

comparison to linear polymers, the structure, molar mass, size, shape of 

dendrimers can be easily controlled [25]. In contrast, hyperbranched polymers are 

polydisperse and display random branching. Finally, dendrigrafts have a unique 

structure between the fully controlled and well-defined dendrimers and the 

uncontrolled hyperbranched polymers. They share features of both dendrimers 

(e.g generation-based growth and narrow molecular weight distribution) and 

hyperbranched polymers (e.g rapid increase in molecular weight) [25]. The 

molecular weight of dendrigrafts can increase more rapidly with each generation 

than that of dendrimers, making it possible to develop polymer possessing 

dendrimer-like properties at a lower cost [185].  In comparison to linear polymers 

that only have two functionalizable end groups per macromolecules, dendrimers 

polymers possess a large number of terminal functional groups which allow to 

incorporate new crosslinking moieties or bioactive factors [184]. Additionally, their 

relative empty intramolecular cavity can work as host-molecule entrapment 

providing opportunities for subsequent controlled drug release as synthetic carriers 

[24,186]. Despite their macromolecular size, dendritic polymers are theoretically 

single-molecule compounds; and therefore, could be used as multifunctional 

crosslinkers [187]. 

A number of dendritic polymers have been reported in the literature so far, 

and the poly(amine)-based have attracted the most attention for biomedical 

applications [188–190]. Poly(amine)-based dendritic polymers are mostly 

represented by poly(amidoamine) (PAMAM), however, PAMAM dendrimers have 

shown high cytotoxicity, few interactions with cells, low degradation and high 

productions cost [191]. Similarly, poly(L-lysine) and poly-ethylenimine polymers 

(PEI), other poly(amine)-based polymers, can benefit from their polycationic 

nature at physiological pH theoretically allowing cellular adhesion, endocytosis, 

intracellular trafficking for therapeutic delivery, genetic material transfection or 

imaging [26,192]. While both have been assessed for biological applications, Poly 

(L-lysine) has showed a superior viability of 90% compared to 50% for 

hyperbranched PEI at the same concentration on HeLa cells [25]. While 

poly(amidoamine) dendrimers (PAMAM) have been successfully evaluated as 

crosslinking monomers for functionalized PEG to form hydrogels for drug delivery 
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applications that do not require extensive interactions with cells [187,193,194], 

our laboratory was the first to assess DGL-G3 as crosslinking monomers with PEG.  

Such hydrogels could benefit from their inherent bioactivity, without the need for 

further association with functional moieties. 

II.II.I. Poly-L-lysine dendrigrafts  

Poly-L-lysine dendrigrafts (DGL) are based on naturally occurring amino acid 

monomers (Figure 14). They bestow additional properties to classical dendrigrafts 

such as water solubility, stability under sterilization conditions, partial 

degradability under the action of endogenous peptidases, non-immunogenicity and 

low cytotoxicity [24,25]. Beside the presence of multiple amino groups in the 

surface area, a free carboxylic acid function at the core of DGL opens the door to 

various modifications towards the implementation of tailored features [25]. DGL 

used as coatings on surfaces have been shown to increase cellular adhesion and 

proliferation of human skin fibroblasts by inducing the expression of integrin α5, a 

receptor implied in cell adhesion to fibronectin (through RGD) [27].  

DGL synthesis is based on the grafting of subsequent lysine molecules onto 

a polymeric substructure, linear poly-L-lysine (PLL), using protect-deprotect steps. 

In this manner, increasing generations of DGL (G1-G5) can be obtained with a 

simple, scalable procedure, water-soluble reaction (pH 6.5) with low batch-to-

batch variability with a typical yield of 50-60% on a multigram scale [185]. While 

G3 and G4 both showed an increase in cellular adhesion in comparison to linear 

and smaller generations lysine dendrigrafts, DGL-G3 represents the best 

compromise between biological activity and fabrication cost, as well as limiting the 

formation of aggregates observed in the G4 synthesis [27].  
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Figure 14. Schematic representation of poly-L-Lysine dendrigrafts (DGL G1-G4).  

At the bottom, the chemical structure of DGL G3. Each dot represents a Lysine 
residue. At the bottom the chemical structure of DGL G3, chemical structure in red 
corresponds to G1 and structure in red and black to G2. To facilitate 2D-representation of 
the whole structure, central part of G3 is shown in a cyclic conformation. (Obtained from 
Yevlampieva et al., [195]) 

 

II.III. Cell response to biomaterials  

Biomaterials have a role in mimicking the native ECM to promote a proper 

tissue formation and homeostasis. In vivo, the ECM interacts with the cells by two 

different signaling mechanisms: ligand-induced, which depend on ECM biological 
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and chemical stimuli, and traction-induced signaling, which depends on the ECM 

mechanical stimuli and how the cells “feel” the mechanical properties of their 

microenvironment. In 1997, Pelham and Wang were one of the first to show that 

both the mechanical and biochemical cues could have a role in cellular behavior 

[196].  

II.III.I. Mechanical cues  

Studies to understand the influence of the ECM mechanical properties are 

still scarce compared to the biochemical signals, however, more researchers are 

trying to address this aspect of the ECM. As shown in Figure 15, the range of 

mechanical compliance of the human tissue varies from tissue to tissue. Engler et 

al. demonstrated the extreme sensitivity of naïve mesenchymal stem cells (MSCs) 

to tissue stiffness. MSCs were able to compromise to a specific cellular phenotype, 

either into neurons (0.1-1 kPa), myoblasts (8-17 kPa) or osteoblasts (25-40 kPa), 

depending solely of the mechanical properties of the substrate [197]. 

 

 

Figure 15. Range of stiffness (Young modulus, E*) of a variety of solid human 

tissues. (Modified from Engler et al., [197]). 
 

The mechanism by which cells receive mechanical stimuli and process them 

into biochemical or gene expression changes is called mechanotransduction [198]. 

Mechanosensitive molecules at the cell membrane such as integrins, stretch-

activated ion channels, G protein couple-receptors and growth factor receptors 

perceive the mechanical stimuli and translate this mechanical signal into a 

biological response. The primary site of force transmission in the cellular 

membrane is by the formation of focal adhesion points (FA), which serve as 

anchorage points between the cell and the substrate, binding the transmembrane 

component of the ECM with the integrins and the actin cytoskeleton of the cell 

[199] (Figure 16). Changes in cell cytoskeleton and tight connections between the 

cytoskeleton and the ECM through this cell-surface receptors, translates the 
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mechanical signals and influence various cell functions including cell adhesion, 

migration, proliferation and tissue formation [198].  

 

Figure 16. Schematic representation of key mechanosensing players involved in 

cell-ECM interactions at the focal adhesion (FA) site. Extracellular matrix changes in 
stiffness, tension or other mechanical stimuli are perceived by integrin clusters whose 
morphology changes recruit focal adhesion kinase (FAK). Then other molecules such as 
Talin rod (TLN), vinculin (VCL), paxillin (PAX) and adaptor protein p130Cas anchor to each 
other to transfer the mechanical cues from the integrins (IT) to the actin component of the 
cytoskeleton. As well the vasodilator-stimulated phosphoprotein (VASP) and zyxin (ZYX) 
regulate actin assembly. (Obtained from Martino et al., [199]).  

 

Accordingly, substrate stiffness has become essential in the development of 

tissue engineering substrates and for the in vitro study of  the dynamics implicated 

in mechanotransduction [106,200,201]. Previously, researchers focused in 

investigating cell response to substrate stiffness using natural gels, such as 

collagen and Matrigel, by increasing the elastic modulus with increasing protein 

concentrations within the gel. However, it is complicated to assess the contribution 

of the mechanical component from the biological cues. More recently, scientists 

have developed synthetic materials of which mechanical properties can be easily 

modified. For example, PEG-based hydrogels and polyacrylamide systems have 

been widely used to study cell response to substrate rigidity [202]. The rigidity of 

polyacrylamide gels can be easily controlled by varying the quantity of acrylamide 

monomer or bisacrylamide crosslinker, however, these gels do not possess 

inherent biological activity. To allow cell adhesion these gels are coated with 

collagen or fibronectin [201,203,204]. In our group, we recently investigated 

substrate stiffness as a regulator of keratinocytes behavior (full article available in 

page 197). Proliferation and spreading were strongly decreased in keratinocytes 



62 

 

seeded in softer polyacrylamide gels (4 kPa) with an increased expression in late 

differentiation markers, however, their proliferative ability was recovered once 

they were put back in contact with a stiffer environment [205]. While 

polyacrylamide is one of the most standardized and used material for rigidity 

studies, it is only suitable for 2D cell culture. PEG gels enable a number of 

modifications and various molecular weights and can be easily engineered with 

adhesive or degradations ligands [206]. However, similar to polyacrylamide gels, 

PEG hydrogels require to be associated, functionalized or coated with 

supplementary proteins of the native ECM or functional moieties, such as collagen 

[34], laminin [35], or arginine-glycine-aspartic (RGD) peptides [207,208] to 

support survival and function of adherent cells [18,202] 

II.III.I. Biochemical cues  

As previously mentioned, interactions with the surrounding 

microenvironment influence cell adhesion, migration, proliferation and 

differentiation. One of the most basic cell functions required for cell survival is 

cellular adhesion [209]. Cell adhesion to a biomaterial can be promoted by simply 

modifying the surface chemistry of a biomaterial with certain functional groups  

[210] or coating with polymers or proteins that allow cell adhesion [204]. For 

instance, polycationic amine-based polymers, such as PLL allow cellular adhesion 

at physiological pH [25,27]. In the case of biomaterials made of ECM components 

(e.g. collagen, fibrin, fibronectin), the natural occurring receptor-binding ligands 

of their native molecules bind to cell integrins and can easily promote cell adhesion 

[16]. Since the identification of some of the small oligopeptide sequences within 

the ECM adhesion proteins that are able to interact with cell integrins, it has been 

possible to incorporate these peptides into synthetic networks to promote cell 

adhesion. For example, RGD peptides found in many ECM proteins, including 

fibronectin, vitronectin, osteopontin, collagen and fibrinogen has been successfully 

employed to provide biological activities to materials in a large range of 

applications [84,208,211]. 

Beside adhesion ligands; growth factors [212], protease-cleaving sites [213] 

and recognition peptides [214] can be incorporated into biomaterials to achieve a 

higher degree of dynamic interactions with the cells and induce specific cell and 

tissue responses. The native ECM also serves as a reservoir of soluble 
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macromolecules such as growth factors, chemokines and cytokines, protecting 

them from enzymatic degradations and releasing them when necessary [66]. ECM-

bound growth factors could be released or presented as complexes still bound to 

the ECM proteins to modulate cell growth and migration, as part of a tightly 

controlled feedback circuit essential for normal tissue homeostasis [215]. Likewise, 

ECM proteins or growth factors can simply be entrapped within a synthetic hydrogel 

scaffolds and released upon network degradation [167]. For instance, VEGF 

immobilized within matrix metalloproteinase (MMP)-sensitive synthetic hydrogel 

network could be released and retaining its biological activity on cell demand 

[214]. Similarly, the use of peptide that mimic growth factors has been evaluated 

their smaller molecular weights and a simple orientation allows immobilization of 

the actives sites in biomaterials [212]. Aside from favoring the release of growth 

factors, controlling degradation can be of interest to be able to match 

biodegradation of the matrix with the formation of new tissue. Degradation can be 

tailored with the incorporation of MMP sensitive sites as well as by controlling the 

physicochemical properties of the network [162,214].   

Covalently modified PEG-based hydrogels with ECM ligands, collagenase-

degradable peptide and growth factors to promote specific cell functions or 

proteolytic degradation have been extensively investigated [17,214,216]. Another 

recent approach to mimic the specific features of the ECM is the incorporation of 

recombinant proteins [19,213]. Recombinant DNA technology allows to obtain 

synthetic analogs of natural ECM matrix materials without resorting to natural 

proteins [217]. Besides their role as recognition motif to enhance cell attachment 

of induce cell signaling pathways, synthetic peptide sequences have been assess 

as monomer to create smart bioinspired materials [218]. 

II.IV. Biomimicry of ECM proteins 

Biomimetics seeks from nature a source of inspiration to solve complex 

problems. Biomimetic approaches are routinely applied in the development of 

synthetic materials and systems that intend to mimic biological processes. 

Examples of biomimetics go from the reconstruction of the mechanical properties 

of a tissue to the creation of synthetic sequences that reproduce the biological 

activity of proteins. Recombinant techniques, mostly using bacteria, provide a 

controllable well-defined source of synthetic proteins or polypeptides [217]. 
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Recombinant proteins can provide cleavage sites for controlled degradation, as 

adhesion sites on inert synthetic materials and even as building blocks to form a 

synthetic network by themselves [213]. Polypeptide based hydrogels have shown 

promising attributes as biomaterials since they can responds to external cues such 

as temperature and pH [219]. For example, elastin-like polypeptides have been 

extensively reviewed by several research groups as building blocks [31,219,220]. 

While in the last couple of years there has been a slight development in the 

production of recombinant collagen, the yield is extremely low due to its extremely 

complex structure [221,222]. The correct amount of post translational 

modifications such as hydroxylation of proline and lysine and the heterotrimeric 

composition are still challenging [222].  The few recombinant collagen composites 

to date require more in depth studies on biocompatibility, immunogenicity and long 

term stability [223].  In the contrary, the structure of elastin, another main 

component of the ECM, can be more easily imitated with recombinant techniques 

[31]. Moreover, this structural protein has attracted recent attention in the 

development of biomaterials for tissue engineering applications thanks to a broad 

range of advantages. 

III.I.I. Benefits of elastin-based materials  

Excessive scarring and wound contraction leading to a loss of functionality 

and decreased aesthetics are still major drawbacks of current biomaterials used 

for dermal reconstruction [79]. Adult human dermal fibroblasts do not synthesize 

functional levels of tropoelastin, resulting in an aberrant elastic network after 

wound healing [74]. Elastin-based biomaterials are particularly promising 

alternatives to reproduce the natural elasticity of the skin and promote elastin 

synthesis [30,31]. While human dermal fibroblasts cultured in the absence of 

tropoelastin do not exhibit mature elastin synthesis, the addition of exogenous 

tropoelastin substantially induces de novo elastogenesis and deposition of elastin 

fibers into the ECM [224]. Likewise, Pirayesh et al. reported that elastin-collagen 

composites could induce modest levels of elastin depositions in rats with a 

correlated increase in elasticity in clinical trials, whereas collagen scaffolds did not 

show elastin synthesis [225]. As well as elasticity, the biological activity of 

tropoelastin and elastin derived peptides has long been established [226,227]. 

They have been shown to promote in vitro attachment, spreading and proliferation 
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of fibroblasts through binding integrin αvβ3 and EBP [33,228]. Incorporation of 

elastin into biomaterials can occur in different forms: including insoluble elastin 

derived from natural elastin, repeated elastin like sequences, recombinant human 

tropoelastin or tropoelastin fragments [30,31,79,80].  

III.I.II. Elastin sources  

The purification process of elastin from animal sources is a complex process 

since insolubility of elastin prevents it from being isolated and purified except by 

heterogeneous fragmentation. Once crosslinked, insoluble elastin cannot be 

converted into its soluble precursor form, tropoelastin [30]. In addition, elastin 

extracted from animal sources may be associated with microfibrillar proteins and 

lead to increased calcification following implantation [79]. Therefore, elastin-based 

biomaterials depend mainly on recombinant human tropoelastin and synthetic 

elastin-like polypeptides (ELPs) [31,80]. ELPs are polymer-based oligopeptides 

with sequences that recur in tropoelastin. ELPs may be synthesized either 

chemically or through recombinant techniques, best known as elastin like 

recombinamers (ELRs). Recombinant techniques are attractive because they can 

produce greater quantities of longer sequences [79]. Purification of ELPs or ELRs 

is typically achieved through the repetition of several rounds of inverse transition 

cycling (ITC), exploiting the coacervation properties of the ELPs/ELRs, which are 

similar to native tropoelastin. The solution is heated over its transition temperature 

(Tt) and centrifuged at the same temperature to collect the coacervate (usually 

over 37°C), then cooled below the Tt to solubilize the product in cold buffer, 

followed by cold centrifugation to remove insoluble cellular debris. This purification 

technique is simple, convenient and produces a high yield surpassing the 

complexity of current chromatographic techniques used to isolate other 

recombinant proteins, such as collagen [173,223]. ELPs/ELRs can be used by 

themselves to form scaffolds through methods such as coacervation, physical 

crosslinking, chemical crosslinking and enzymatic crosslinking  [173,229], or can 

be incorporated into other scaffolds to enhance regeneration [226], or even used 

as exogenous solutions to promote elastin synthesis in burns and surgical scars 

[79].  
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III.I.III. ‘In house’ elastin-like polypeptide (ELP)  

Recently, in our lab, an elastin-like polypeptide (ELP) was designed to 

present a similar structure to tropoelastin and obtained by recombinant techniques 

with high efficiency. Contrary to tropoelastin, the hydrophobic and crosslinking 

domains are built of the same amino acid units. The motifs present in native 

tropoelastin; VGVAPG and VGVLPG were used for the hydrophobic domains, while 

the motif AAAKAAAKAAK for the reticulation domains (Figure 17). Moreover, it 

possesses in its structure the domain 36 of human tropoelastin which is implicated 

in the assembly of elastic fibers. Kozel et al. demonstrated that the ability of 

tropoelastin to self-assemble and develop fibers is dramatically reduced if the 

disulfide bond in the domain 36 is disrupted [75]. Moreover, Lorion et al. 

demonstrated that the presence of the hydrophobic domains and the GRKRK motif 

in the domain 36, in the ELP, were able to interact with the two major receptors of 

the native tropoelastin, EBP and αvβ3 integrin [32]. When the ELP binds to the EBP, 

it induces a stimulating effect in fibroblasts proliferation and showed the capability 

to be incorporated into neosynthesized elastic fibers in vitro [32]. In addition, 

surfaces coated with the ELP showed an increase in cellular adhesion which could 

be slightly inhibited in the presence of L-lactose or anti-αvβ3 integrin antibody, 

further confirming the contribution of VGVAPG/VGVLPG and GRKRK motif in the 

biological activity of ELP, respectively [32].  

 

 

Figure 17. Structure of Elastin-like peptide developed in the laboratory. The ELP 
has a FLAG tag (DYKDDDDK) right after N-terminal extremity, follow by repeated 
hydrophobic (VGVAPG-VGVLPG) and reticulation domains (AAAKAAAKAAK).D is for Asp, Y 
for tyrosine, K for Lysine, A is for Alanine, L for Leucine, P for Proline, L for lysine, V for 
Valine, C for Cysteine and G for Glycine. (Obtained from Lorion et al., [32])  

  

The ELP also presents similar physico-chemical properties to the native 

tropoelastin, such as its thermo-reversible transition. Under 33°C ELP is soluble in 

an aqueous solution, when temperature is increased over Tt, the protein forms 

aggregates until reaching a maximal diameter at 60°C. Once the temperature is 
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decreased the ELP returns to a soluble phase. ELP can form self-assembly 

aggregates in vitro in a similar manner to tropoelastin, from small spheres to 

filaments with a pearl-like structure (Figure 18). Moreover, once reticulated with 

genipin, a vegetable lysine crosslinker, to form a polymeric network, the resulting 

mechanical properties of the polymer showed a highly elastic behavior [32]. While 

possessing interesting elastic properties, the resulting crosslinked material showed 

excessive stiffness (1.5 MPa). Therefore, this ELP has not yet been assessed for 

skin engineering applications, however, its interesting properties could be 

beneficial when designing a scaffold for this application.  

 

 

Figure 18. SEM images of ELP coacervates and reticulated with genepin. A) SEM 
structure of coacervates form ELP auto-assembly B) SEM structure of ELP reticulated with 
genipin. (Modified from Lorion et al., [32]) 

II.V. Key points in designing a scaffold for skin tissue-

engineering applications.  

Depending of the target tissue and applications, different key points need to 

be considered during the development of a novel scaffold. Generally, full-thickness 

skin equivalent for tissue replacement applications must above all provide a 

physical barrier against external agents, loss of fluids and heat [41]. This physical 

barrier is obtained from an adequate differentiated epidermis morphology, 

appropriate protein expression, similar lipid contents and lipid-lamellar structures 

as those of human skin [37]. The epidermal compartment must be securely 

attached to the dermis at the wound bed without causing any immune reaction 

that might result in excessive inflammation and material rejection [15]. The 

scaffold must favor an active vascularization of the dermal equivalent; without a 
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well-vascularized dermal wound bed survival of the epidermal layer is limited 

[108]. Likewise, the mechanical and physical properties of the scaffold should be 

considered to mimic those of the skin, without neglecting its elasticity [79]. 

Eventually, the ideal tissue engineering skin replacement for clinical use must be 

able to support a complete reconstruction of the skin without the formation of scar, 

loss of functionality or lack of aesthetics. Biodegradation is of high importance, in 

clinical applications all synthetic materials must eventually be discarded or 

replaced by alive cells and their native ECM. In principle, degradation should match 

the remodeling of the new tissue and the derived degradation fragments should 

not cause immune response or have a cytotoxic effect to the neighboring tissues 

[15]. Furthermore, to assure market success it must be cost-effective, easily 

available, user-friendly and have a long shelf life [40].  

The design criteria for full-thickness skin equivalents intended as in vitro 

models is less demanding. For instance, less biodegradable materials are 

competent to develop in vitro toxicity studies [230]. In general, the scaffold should 

be fit for purpose. That is, they should allow skin cells to form an epithelium, to 

communicate with each other and to mimic as far as possible the responses of 

normal skin cells when exposed to a range of chemical, pharmacological, or 

biological agents. For this, they need to be sufficiently predictable and reproducible 

to allow interpretations which will unequivocally answer to a specific question. One 

great advantage of skin equivalents is that the cellular compositions and 

experimental parameters are in complete control of the operator. Consequently 

controlling one question at a time, contrary to the complexity of animal models, 

where in vivo situations impede the discrimination between different factors [231].  
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I. Production of DGL/PEG hydrogels 

In general, all chemicals were purchased from Sigma-Aldrich (Saint-

Quentin-Fallavier, France) unless stated otherwise. The poly(L-lysine) dendrigrafts 

of third generation (DGL-G3, 22000 g/mol) were bought from COLOCOM 

(Montpellier, France). The elastin-like polypeptide (ELP) was produced and 

provided by the LBTI laboratory. In general, hydrogels were prepared at 4°C by 

adding the desired concentration of O,O′-Bis[2-(N-Succinimidyl-

succinylamino)ethyl]polyethylene glycol (PEG-NHS, 2,000) dissolved in DMF to a 

solution of DGL-G3 in Phosphate-buffered saline (PBS) with or without ELP. Stock 

solutions of DGL-G3 and PEG were performed using a 5 ml volumetric flask to avoid 

miscalculation due to volumetric expansion and stocked at -20°C. More detailed 

information on hydrogel production will be presented below. 

I.I. Dense hydrogels discs  

Dense hydrogel discs were prepared by adding the components (previously 

chilled on ice) to a final volume of 800 µl in 2 ml conic tubes (Maxymum Recovery 

Axygen) and vortexed for a complete homogenization. To reach high concentration 

hydrogels, which usually have a crosslinking time lower than 10 seconds, 

preparation took place in a cold room (4°C) to slow down the chemical reaction. 

To ease the hydrogel retrieval after crosslinking, the conical part of the tube was 

cut-off then the tube was immersed in ethanol for 5 min. The resulting cylindrical 

hydrogels were rehydrated in PBS, then sectioned at a 2 mm thickness using a 

vibratome (7550 Integraslice) at a frequency of 60 Hz, a 1 mm amplitude and at 

a slow blade speed (0.15-0.22 mm/s). Finally, hydrogel discs were stored in PBS 

at 4°C before use.  

I.II. Hydrogel-coated coverslips  

To prepared hydrogel-coated coverslips hydrophobic glass slides were 

required. Prior to hydrogel crosslinking, standard glass slides were hydrophobically 

coated using a method consisting in slow dipping the glass slides in 

dichlorodimethylsilane (Sigma-Aldrich) followed by overnight evaporation under a 

fume-hood. Finally, discs were washed by a single immersion in distilled water to 

eliminate the silane residues. 100 µL of hydrogel were prepared by mixing all the 
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required components (previously chilled on ice) then 60 µl of the obtained mixture 

were placed between a hydrophobic glass slide and a round coverslip (15 mm in 

diameter), as shown in Figure 19. After crosslinking, the hydrogel-coated coverslip 

was gently removed, placed in a 24 well plate and hydrated with PBS. Finally, the 

hydrogels were sterilized with 70% ethanol incubation overnight at 4°C, washed 

three times for 30 minutes with sterile PBS, and kept at 4 °C prior use. In the case 

of highly concentrated hydrogels (crosslinking speed lower than 10 seconds), the 

process was performed in a cold room to slow down the crosslinking speed and 

obtain a homogeneous hydrogel.  

 

Figure 19. Representative scheme of the process to obtain a hydrogel-coated 

coverslip. 

I.III. Porous hydrogels  

Hydrogels were made porous with particulate leaching technique using 

paraffin microspheres as porogens, similarly to Ma et al. with certain modifications 

[232].  

i) Paraffin microsphere production and characterization 

Paraffin microspheres of different sizes were prepared by pouring 10 mg of 

melted paraffin (Histolab products AB) into 250 ml of a solution of 0.5% PVA 

(Sigma-Aldrich), while under high agitation (1000 rpm) at 80°C to create an 

emulsion. After 20 min of agitation, the mixture was transferred to a container 

with twice the volume of distilled water at 0°C. Microspheres were formed directly 

after contact with the freezing water. Then, the microspheres were sieved under 

vacuum with metal sieves of 50, 100 and 180 µm (Verrerie Villeurbanaise) as 

shown in Figure 20. Microsphere fractions were washed with distilled water, freeze 

dried (Freeze dryer Cosmos-80, Cryotec) and conserved at 4°C. 
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Figure 20. Vacuum filtration system for paraffin microspheres sieving  

 

The size distribution of 5 different batches of paraffin microspheres was 

determined to confirm porogens size distribution. To perform the microscopical 

analysis, a drop of freeze-dried microspheres dispersed in 70% ethanol solution 

was placed on a glass slide. Six pictures of each size fraction were taken with a 

microscope (Leica Laborlux S) and particle size distribution was determined by 

image processing as shown Figure 21.  

 

 

Figure 21. Image analysis processing for size distribution determination. 

ii) Porous hydrogel by particulate leaching technique   

To prepare porous hydrogels, 400 mg of paraffin microspheres were placed 

in 2 ml microtubes (Maxymum Recovery Axygen). The paraffin was compacted by 

centrifugation using a small table centrifuge (2000 g). To obtain a flat surface the 

tube was centrifuged twice, once of each side for 10 seconds. The hydrogel 

components, chilled on ice, were mixed by vortex and rapidly transferred to the 
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paraffin-containing microtubes, which were subsequently centrifuged at 2000 g for 

10 seconds and placed on ice. In the case of highly concentrated hydrogels, the 

process was performed in a cold room to slow down the crosslinking speed and 

obtain a homogeneous hydrogel. Resulting hydrogels were retrieved from the 

microtubes by placing them in boiling ethanol under reflux for 40 minutes to 

extract part of the paraffin. The hydrogels were then cut into 2 mm thick discs with 

a vibratome (7550 Integraslice) with a frequency of 60 Hz, a 1 mm amplitude and 

at a slow blade speed (0.15-0.22 mm/s). The remaining paraffin was removed by 

immersing the hydrogels in fresh boiling ethanol under reflux for 40 minutes. This 

operation was repeated several times until complete extraction of the paraffin. To 

determine if all the paraffin was successfully removed, porous hydrogel discs were 

placed in distilled water and their transparency assessed. If paraffin remained, the 

hydrogels were subjected to another ethanol extraction as shown in Figure 22. 

Samples were then rehydrated and stored in PBS at 4°C. Hydrogel discs used for 

in vitro experiments were sterilized with 70% ethanol overnight and washed three 

times for one hour with PBS prior use. 

 

Figure 22. Hydrogel production and paraffin extraction process.  

II. Production of ‘in-house’ elastin-like polypeptide  

The ‘in-house’ elastin like polypeptide (ELP) was obtained by recombinant 

protein production. The ELP DNA coding sequence was cloned with Flag tag fusion 

protein using the pET30a vector backbone.  BL21(DE3) E.Coli strain was 

transformed with pET30a-Flag-ELP plasmid. Single colonies were isolated on Luria-
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Bertani (LB) agar medium supplemented with 50 µg/ml kenamycine (Sigma-

Aldrich) and incubated at 37°C overnight. Then, 200 ml of Terrific Broth 

supplemented with 50 µg/ml kanamycin were inoculated with one colony and 

incubated at 37°C overnight while shaking (150 rpm).  In a bioreactor (Minifors II, 

INFORS), a total of 4 L of Teriffic Broth were inoculated with preculture at DO=0,1. 

Bacteria were grown to log phase DO=1, in the presence of kanamycine, 1 mM 

trace elements and glycerol (10g/L) at 37°C under agitation at 400 rpm and 20% 

pO2. The temperature of culture was decreased to 25°C and expression was 

induced with 1 mM IPTG for 16 hours under agitation from 400 rpm to 800 rpm at 

20% pO2, to avoid foam formation 500 µl of anti-foam was added. For the NMR 

experiments, 13C-15N-labeled ELP was prepared using M9 minimal medium 

containing 15NH4Cl and 13C-glucose.  

For purification, culture was harvested and centrifuged at 5000 g for 20 

minutes, bacteria was resuspended in 400 ml of ultrapure water and lysed by 

pressure cell disruption at 2600 bar (Cell Disruption System, Constant System 

Ltd). The lysate was harvest, buffered with 20 mM Tris-HCl pH8,8 and centrifuge 

at 10000 g for 20 min. The supernatant was treated with 0,2% Polyethylene-imine 

(PEI) (Sigma-Aldrich) on ice, PEI was slowly added drop by drop under soft 

agitation and then centrifuged for 20 minutes at 10000g and 4°C to eliminate 

precipitated contaminants. After eliminating contaminants, 500 mM of NaCl were 

added to the supernatant, incubated for 10 min at 40°C and finally centrifuged for 

10 minutes at 10000g and 40°C. The pellet was re-suspended in PBS overnight at 

4°C and centrifuge at 5000g for 10 minutes at 4°C. Finally, the supernatant was 

freeze dried (freeze dryer Cosmos-80, Cryotec) and stored at -20°C before use. 

Stock solutions of ELP were prepared by suspending the dry protein in PBS to a 

maximal concentration of 10 mg/ml.   

III. Characterization of dense DGL/PEG hydrogel   

III.I. Crosslinking speed  

To measure the crosslinking speed of hydrogels of different ratios of 

DGL/PEG (mM), hydrogel components previously chilled on ice, were added to a 

small glass vial (8x25x35 mm) to a final volume of 50 µl. The mixture was placed 

under agitation (300 rpm) with a small magnetic rod (5 mm) and placed at exactly 
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4 cm from the magnetic stirrer, as shown in Figure 23. Crosslinking time was 

defined, in our study, as the time needed to halt the magnetic rod after adding the 

last component of the hydrogel formulation (PEG-NHS). At least three hydrogels 

were measured for each condition. 

 

Figure 23.  Representative schema to measure crosslinking speed.  

 

III.II. Swelling ratio  

The swelling ratio (Qs) of 2mm-thick dense hydrogel discs was determined 

in PBS at 37 °C, to mimic the physiological conditions. Prior incubation in PBS, 

samples were frozen in liquid nitrogen and freeze dried (freeze dryer Cosmos-80, 

Cryotec) to measure their dry weight (Wi). Samples were blotted before each 

weight measurement, performed at 1, 2, 6 and 24 hours. The swelling ratio was 

defined as ((Ws-Wi)/Wi), where Ws is the weight of swollen hydrogel and Wi is its 

initial dry weight after freeze drying. Five hydrogels were measured for each 

condition.    
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III.III. Mechanical properties  

i) Micro-indentation  

a) Principle  

During indentation tests, a spherical indenter will apply an axial force to the 

surface of the material followed by a cycle of load and unloading, the sensor 

measure the displacement executed by the indenter for a given force (Figure 24.A). 

Indentation allows to determine the reduce Young’s modulus of a material from 

the measurements of normal contact stiffness, kz, which is the slope of the initial 

part of the unloading curve. For completely elastic materials the loading and 

unloading curve follow the same path and are therefore in distinguishable from 

one another. For viscoelastic materials, a difference between the loading and 

unloading curve is observed (Figure 24.B). This variation between the curves is 

related to the dissipation characteristics of a viscoelastic material.  

 

Figure 24. Micro-indentation set up and curves of a viscoelastic material.  
A) Representative schema of an experimental micro-indenter B) Indentation curve 
obtained from a viscoelastic material. A indicated the starting contact point, B represents 
the maximum load applied (Fmax) for a maximum displacement (δmax). Loading curve from 
A-B and unloading curve B-C reflect the mechanical behavior of the material. (Obtained 
from C. Pailler-Mattei et al., [233]) 
 

b) Protocol 

For indentation tests under normal load, a spherical steel probe of radius 

curvature r=1.59 mm was used with a maximal load of 4 mN and a velocity of 20 

µm/s. During each test one cycle of load was applied to the sample and the test 

was repeated 3 times in different points of each dense hydrogel disc (2x9.1 mm). 

The tests were not performed under submersion, meaning that there could be mild 
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effect of adherence of the hydrogel to the probe. The indentation curves were 

recorded on real time with LabVIEW (National Instruments, TX, USA). Resulting 

load data were analyzed to determine the complex modulus. 

ii) Dynamical mechanical analysis  

a) Principle  

Similarly, dynamic mechanical analysis (DMA) allows to measure the 

viscoelastic properties of materials (Figure 25.A). The modulus of elasticity of a 

polymer can change in function of temperature, time and frequency of the dynamic 

forced applied. Therefore, DMA is capable of evaluating the viscoelastic properties 

during a controlled temperature and/or frequency. Samples will be subjected to a 

sinusoidal force (Stress σ), which in response will produce another sinusoidal 

deformation curve (strain ε), as shown in Figure 25.B. The shift between these two 

curves will be dependent of the viscoelastic behavior of the material. In this 

manner, the DMA can measure the stiffness and damping of a material. How much 

the sinusoidal wave will be deformed will be related to its stiffness, which is 

composed of the storage modulus and the loss modulus. The storage modulus (E’) 

is the material’s elastic behavior while the loss modulus (E’’) corresponds to its 

viscous response. Damping or tan delta depends on how well the materials can get 

rid of the energy absorbed measuring the dissipation of energy and is determined 

by the ratio between the loss and storage modulus (E”/E’). 

 

Figure 25. Dynamical mechanical analyzer system and curves. A) Representatives 
schema of DMA experimental system. B) Representation Schema of sinusoidal curves 
detected by a DMA.  
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b) Protocol  

The mechanical properties of dense DGL/PEG hydrogel discs (2x9.1 mm) of 

different compositions were analyzed by cyclic compression with a dynamic 

mechanical analyzer (DMA 242 E Artemis, NEZSTCH). The hydrogels domain of 

linearity was first determined with a strain sweep and compression test performed 

in PBS immersion at room temperature. Samples were then subjected to 

compression at a 10% strain and an amplitude of 60 µm, with increasing 

frequencies (1-20 Hz) in PBS immersion and at room temperature. At least 5 

hydrogel discs were measured for each condition. 

III.IV. Hydrogel degradation  

Hydrogel degradation was determined by monitoring the hydrogels mass 

loss through time under acidic, neutral and basic conditions. Hydrogel degradation 

profile on neutral conditions can allow an estimation of self-life. Dense hydrogel 

demi-disc (2x9.1 mm) were freeze dried (freeze dryer, Virtis 10-020) to determine 

their initial dry weight (Wi) and placed in citrate buffer (pH 5), PBS (pH 7) or 

sodium carbonate buffer (pH 10) at 37°C. Buffer was refreshed every two days 

under sterile conditions and samples were retrieved after 27 and 52 days, rinsed 

three times in pure water, freeze dried and weighed (Wd) using an analytical grade 

scale. Three hydrogels were measured for each condition. Degradation was 

expressed as a percentage of weight loss in relation to the initial weight, 

determined as: % 𝑤𝑒𝑖𝑔ℎ𝑡 𝑙𝑜𝑠𝑠 = (𝑊𝑖 − 𝑊𝑑)𝑊𝑑  𝑋 100 

IV. Effect of ELP incorporation in hydrogel properties 

IV.I. Wettability/hydrophobicity  

a) Principle  

Measuring the contact angle by gionometry is a simple and well-known 

method to determine the wettability of the surface of a solid material. The contact 

angle is defined as the angle formed by the intersection of the liquid-solid 

interphase and the liquid-vapor interphase. The interphase where the solid, liquid 

and vapor co-exist is known as the “three-phase contact line”, therefore the 
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contact angle will be defined as the angle at the equilibrium of these three phases. 

As shown in Figure 26, small contact angles (<90°) correspond to a high 

wettability, while larger contact angles (>90°) correspond to low wettability. When 

the wettability of a drop of water to a surface is determined we can also talk of the 

hydrophobicity of the material.  

 

Figure 26. Illustration of contact angles formed smooth solid surface. (Obtained of 
Yuan, Y. et al, [234]) 

 

b) Protocol  

To measure the increase of hydrophobicity when ELP is incorporated into the 

hydrogels, the contact angle of a drop of distilled water placed on top of a hydrogel-

coated coverslip was determined. As shown in Figure 27, hydrogels with or without 

ELP were placed in an elevated support in front of direct lighting. To be able to 

observe the contact angle, the camera with a macroscopic lens was placed looking 

over the sample with a slight inclination. Before placing 10 µl of distilled water, the 

excess liquid on the hydrogel was removed with a tissue paper. Three 

measurements were performed to each sample and at least 3 hydrogels per 

condition were measured. After image acquisition, the contact angle was 

determined by images analysis with Imagej plugging for drop analysis “LB-ADSA”.  

 

Figure 27.  Graphical representation of the experimental set up to measure 
contact angle. (Modified from N. Costanie and M. Dzikowski) 
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IV.II. NMR spectroscopy 

a) Principle  

The use of NMR spectroscopy and solid-state NMR in particular, have 

recently greatly contributed to the characterization of polymer hydrogels as it 

allows to obtain detailed information on their morphology, molecular organization 

and intermolecular interactions. Variations of chemical shifts, spin relaxation times 

or intensity of the NMR signal can be used to obtain information on the nature or 

the intermolecular interactions [235]. During NMR spectroscopy, samples are 

subjected to a powerful magnetic field that will have an impact on the nuclei, 

producing an electromagnetic signal with a characteristic frequency depending on 

the different magnetic shielding caused by the surrounding electrons. This 

phenomenon is known as the chemical shift. Since the chemical shift of a nucleus 

is determined by the electron density surrounding it, if a new covalent bond is 

formed the electron density surrounding a specific nucleus will change, leading to 

a chemical shift perturbation [236]. Therefore, this technique allows to determine 

when covalent bonds are formed between two substances.  

 

b) Protocol 

Solid-state NMR experiments were recorded on ELP when incorporated into 

DGL/PEG hydrogel in order to detect whether the protein interacts covalently with 

the polymeric network of the hydrogel. About 40 µl of samples were loaded in 3.2 

mm rotors composed of a cylindrical Zirconia tube (Figure 28.A). The rotors were 

then inserted in the stator of the NMR probe, where an airflow directed on the 

wings allows for spinning of the rotor. The rotor was then tilted by an angle of 

54.74° (magic angle, Figure 28.B) inside the NMR probe inserted in the 

spectrometer (Figure 28.C). 



82 

 

 
Figure 28. NMR Spectroscopy. A) NMR rotors of different sizes. For our experiments, 
rotors with a diameter of 3.2 mm were used. B) Illustration of magic-angle spinning (MAS) 
used in solid-state NMR. B0 represents the external magnetic field. C) Illustration showing 
the inside of an NMR spectrometer. 

 

For the free-ELP sample, 20 mg of 13C-15N-ELP in PBS buffer were 

coacervated at 40 °C for 15 minutes directly into the rotor. For the hydrogel control 

sample, a hydrogel composition 2 mM DGL and 19 mM PEG for a final volume of 

40 µl was prepared directly into the rotor. For the ELP-hydrogel sample, hydrogel 

was prepared with 1.75mg of 13C-15N-ELP (the maximal amount of ELP that could 

be incorporated into a hydrogel of 1 mM DGL and 19 mM PEG with final volume of 

50 µl). Another rotor of ELP-hydrogel was prepared to assess reproducibility.  

All NMR experiments were conducted using a 3.2 mm triple-resonance (1H- 

13C-15N) probe head at a magnetic field of 18.8 T corresponding to 800 MHz proton 

resonance frequency (Bruker Avance II). The MAS frequency was set to 17.5 kHz 

and the VT gas temperature to 278 K, corresponding to a sample temperature of 

around 25 °C. Two-dimensional HC-INEPT (Insensitive nuclei enhanced by 

polarization transfer) spectra [237] were recorded on all the samples and 

referenced using Sodium trimethylsilylpropanesulfonate (DSS). The J-coupling 

evolution delay for the INEPT step was set to 1/(4*Jcoupling), with a scalar J coupling 

set to 200 Hz. Experimental parameters are detailed in Table 6. Spectra were 



83 

 

processed using TopSpin 3.2 (Bruker Biospin) and spectra analysis was done with 

the CcpNmr Analysis package [238].  

 
Table 6. NMR parameters of 2D INEPT spectra recorded on ELP and hydrogel 

samples. 
Sample ELP  Hydrogel ELP- 

hydrogel 

Experiment 2D INEPT 
HC 

2D INEPT 
HC 

2D INEPT 
HC 

MAS frequency / kHz 17.5 17.5 17.5 

Field / MHz 800 800 800 

t1 increments (1H) 350 256 350 

Spectral width (t1) / ppm 9 9 9 

Acquisition time (t1) / ms 24.3 17.8 24.3 

t2 increments (13C) 2802 2802 2802 

Spectral width (t2) / ppm 466 466 466 

Acquisition time (t2) / ms 15 15 15 

Carrier 1H / ppm 4.7 4.7 4.7 

Carrier 13C / ppm 100 100 100 

Interscan delay / s 2 2 2 

Number of scans 48 48 48 

Experiment time  9h30 7h 9h30 

IV.III. ELP embedding in the hydrogel   

The release of ELP from the hydrogel after 24 hours was determined by 

western blot. 40 µl hydrogels containing 6 mg/ml of ELP were prepared directly in 

a 48 well plate. After 15 minutes, 300 µl of PBS were added and samples were 

incubated at 37°C for 24 hours. After incubation, 100µl of supernatant were 

harvested and stored at -20°C. The same quantity of ELP in PBS was used as 

controls and subjected to the same incubation times. To detect the ELP by western 

blot, 25 µl of the previously recovered supernatants were loaded into a pre-cast 

SDS-PAGE gel for migration (Bio-rad) with Laemli 5X buffer. After migration, 

transfer was performed on a PVDF membrane (Bio-Rad) with the Trans-blot turbo 

transfer system (Bio-rad). Blots were blocked with 5% non-fat milk in TBS + 

0.05% Tween 20 (TBST) for 1 hour and then incubated with monoclonal Anti-Flag 

Antibody (1:3000 mouse F7425, Sigma-Aldrich) in TBST for at least 1 hour. Blots 

were washed three times with TBST and incubated with 1:10000 anti-mouse HRP 
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conjugated antibody (goat anti mouse 1706516, Bio-rad) in TBST for 1 h. Blots 

were again washed three times with TBST. HRP conjugates were detected with 

SuperSignal West Pico chemiluminescent substrate (Pierce) and blots were imaged 

with CCD Camera (Fusion Fx7, Vilber Lourmat). 

V. Characterization of porous DGL/PEG hydrogel 

V.I. Porosity with liquid displacement technique  

Porous hydrogel porosity was measured using a standard fluid replacement 

method and a pycnometer as shown in Figure 29. PBS was used as the 

displacement liquid to avoid swelling or shrinkage since the hydrogels were 

prepared in PBS. Moreover, PBS mimics the physiological in vivo osmotic 

environment that the samples will be subjected when used in biological 

applications. Before use, samples were immersed in PBS for at least 2 hours to 

reach equilibrium. The total mass of the pycnometer (10.244ml) filled with PBS 

was measured using an analytical grade scale (m1). Each swollen sample was then 

immersed in the pycnometer and subjected to three vacuum cycles to remove any 

trapped air bubbles. The pycnometer was then refilled with PBS and the total mass 

determined (m2). The sample was subsequently carefully removed and the mass 

of the pycnometer with the remaining liquid measured (m3). Finally, the porous 

hydrogel sample was quickly rinsed three times with distilled water, blotted for 

excess water, freeze dried (Freeze dryer, Virtis 10-020) and the dry weight 

measured (md) (Figure 29). The porosity (Ꜫ) was determined as follows:  

 

 Ꜫ=
𝑽𝒑𝑽𝒑 + 𝑽𝒔 = (𝒎𝟐 − 𝒎𝟑 + 𝒎𝒔)𝒎𝟏 − 𝒎𝟑  

 

Where, Vs is the total volume of the scaffold represented by the mass of the 

displaced liquid by (m1-m2+ms)/ρPBS, while the volume filling the pores of the 

samples (Vp) is (m2-m3+ms)/ρPBS, (density of the displaced liquid is represented by 

ρPBS). To determine the mass of the hydrogel without any liquid entrapped in the 

pores, the swollen mass (ms) was calculated using the swelling ratio previously 

determined from the dense hydrogels since Qs=(ms-md)/md. 



85 

 

 

Figure 29. Representative schema of the standard liquid displacement method. 

Pycnometer of 10.244ml  

V.II. Hydrogel structure by ESEM 

Environmental scanning electron microscopy (ESEM) is a unique system in 

which wet materials can be examined with an electron beam in a chamber with 

pressure allowing water vapor without additional sample preparations. The surface 

morphology of porous hydrogels in its swollen state was observed by ESEM (FEI 

Quanta 250 FEG) at 10 kV and 3 torrs.  

VI. Two-dimensional in vitro evaluations  

VI.I. Cell culture  

i) Human dermal fibroblasts  

Normal human dermal fibroblasts (NHDF) isolated from foreskin (male/ 

Caucasian/ donor age <5) were obtained from Promocell (Heidelberg, Germany). 

Cells were stored in liquid nitrogen and thawed when needed. Cell culture from 

frozen stocks was performed by quickly thawing the cells and adding 10 times the 

volume of Dubecco’s Modified Eagle Medium/Ham’s F12 (DMEM-F12) 1:1 Glutamax 

(Life Technologies) supplemented with 10% Fetal bovine serum (FBS) (Life 

Technologies), 100U/ml penicillin/0.1mg/ml streptomycin (s/p) (Sigma-Aldrich). 

Cells were centrifuged at 1000 rpm at 4°C for 5 min and the cell pellet re-

suspended in supplemented DMEM-12 at 37°C. For amplification, cells were seeded 

at a density of 1x104/cm2 in tissue culture flasks, with supplemented DMEM-12 

and incubated at 37°C and 5% CO2. When cells reached 70% confluence, they 

were once again amplified. Cell flasks were washed three times with sterile PBS 
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and then incubated with 60 µl/cm2 Trypsin-EDTA 0.05% (Sigma-Aldrich) for 5 to 

7 min at 37°C and 5% CO2. Trypsin was inhibited with twice the volume of 

supplemented DMEM-12 with 10% FBS and detached cells were counted on a 

Malassez cell and trypan blue (1:1) (Sigma Aldrich), centrifuged for 5 min at 1000 

rpm and re-suspended in the suitable volume of supplemented DMEM-F12 to 

achieve a density of 1x104/cm2, which was re-plated on tissue multi-well culture 

plates. 

ii) Human nasal chondrocytes  

Primary cultures of human nasal chondrocytes were obtained from healthy 

septal cartilages of donors undergoing rhinoplasty. Nasal cartilage samples were 

collected upon written informed consent of donors and complied with local ethics 

guidelines, national and European Union legislation regarding human sample 

collection, manipulation, and personal data protection (Ethics Committee for 

research with human samples, CODECOH: DC-2014-2325). For chondrocytes 

extraction, septal cartilages were washed with PBS supplemented with 50 μg/mL 

streptomycin (Panpharma) then cut in small slices and digested overnight at 37°C 

with 0.5 mg/mL bacterial collagenase A (Roche Applied Science) in culture medium 

composed of DMEM-F12. Chondrocytes were then seeded on hydrogels at a density 

of 1.5x104 cells/cm2 in culture medium supplemented with 50 μg/mL streptomycin 

and 10% FBS. At this stage, cells were designated at passage 0 (P0). 

VI.II. Live/Dead assay  

Hydrogel cytocompatibility was evaluated with live/dead assay on hydrogels 

of various compositions. For nasal chondrocyte studies live/dead assay was 

performed after 3 and 7 days of culture on the surface of dense hydrogel discs (1 

mm thickness). For dermal fibroblast viability, live/dead assay was performed after 

1 and 3 days of culture on fibroblasts seeded on top of hydrogels-coated coverslips 

(0.6 µm thickness). Cells were incubated 30 min with a solution with 6 µm 

propidium iodide (Sigma-Aldrich) and 1 µm Calcein (Invitrogen) in supplemented 

DMEM-12 medium and subsequently observed with a fluorescence microscope 

(Nikon TiE). The percentage of viable cells compared to the total amount of cell 

was calculated by image analysis (Imagej).  
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VI.III. Morphology evaluation  

The effect of hydrogel composition on cell morphology was evaluated by 

phase contrast microscopy and by actin staining. Nasal human chondrocytes or 

dermal human fibroblasts at a density of 10,000 cell/cm2 were seeded either in the 

surface of dense hydrogel discs (1 mm thickness) or hydrogel-coated coverslips 

and incubated at 37°C and 5% CO2, respectively.  

i) Phase-contrast microscopy  

Phase-contrast microscopy pictures (Nikon TiE) were acquired after 24 and 

72 hours of culture. Before acquisition, medium was refreshed to remove non-

adherent cells. To compare cell morphologies; cell spreading area, circularity and 

Feret diameter were determined by image analysis (Imagej). Five phase contrast 

fields of view were analyzed of ten hydrogels after 24 hours and five after 72 hours 

per composition. Control were only analyzed after 24 hours since after 72 hours 

images analysis were not possible due to cell confluence. 

ii) Actin staining  

Actin cytoskeleton was stained with fluorescent dye-coupled phalloidin after 

1, 3 and 8 days of culture for dermal human fibroblasts and after 7 days for nasal 

human chondrocytes. Cells on the hydrogels were fixed with paraformaldehyde 

(PFA) 4% (Electron Microscopy Science) for 10 min followed by 20 min 

permeabilization with a 0.1% triton solution in PBS. After washing twice with PBS, 

the samples were incubated for 10 minutes with a 2 µg/ml 4′,6-diamidino-2-

phenylindole (DAPI) (Sigma Aldrich) and 2 µg/ml phalloidin (Thermo Fischer 

Scientific) solution in PBS to stain the cell nucleus and actin cytoskeleton, 

respectively. Finally, hydrogels were observed with a fluorescence microscope 

(Nikon TiE). Cell number for dermal human fibroblast proliferation was determined 

by counting cell nuclei by images analyses (Imagej) of at least 5 randomly acquired 

images per hydrogel, at least three hydrogels per condition.  

VI.IV. Cell migration by time-lapse 

Dermal human fibroblasts were seeded in the surface of hydrogel-coated 

coverslips at a density of 10,000 cell/cm2
 and incubated at 37°C and 5% CO2. After 
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three days of cell culture cell migration was observed by time-Lapse (Zeiss 

AxiObserver Z1) maintaining an environment with 5% CO2 and 37°C, and pictures 

were acquired every 20 minutes for 16 hours. Images obtained were analyzed 

using Imagej and manual tracking plugging to determine the velocity traveled by 

5-8 cell per image. Migration is expressed as the mean slope of the accumulated 

distance travel by the fibroblasts per condition. At least two hydrogels were 

measured per experiment and three separate experiments were performed.   

VI.V. Metabolic activity  

Hydrogels with or without ELP were prepared directly in cell culture 24-well 

plates, sterilized overnight with 70% ethanol in PBS and wash thoughtfully before 

use. Cells were seeded at a density of 10,000 cells/cm2 on top of the hydrogels 

and incubated at 37°C and 5% CO2. Metabolic activity was measured after 24 hours 

of culture. To do so, hydrogels were incubated with DMEM-12 supplemented with 

10% alamar blue for 3 hours at 37°C in an atmosphere with 5% CO2, following the 

supplier’s protocol (Invitrogen). After incubation, duplicates of the working solution 

were transferred to a 96 black well plate and measured with a fluorimeter (TECAN, 

Infinite M1000) excitation at 580 nm and emission 585 nm. Two hydrogels without 

cells were used as blank controls and four hydrogels were measured per condition.  

VI.VI.  Immunocytofluorescent staining of Ki67 

Fibroblasts were seeded at a density of 10,000 cells/cm2 on top of hydrogel-

coated coverslips and incubated at 37°C and 5% CO2. After 3 days of cell culture, 

cells were fixed with 10 min incubation of PFA 4% and permeabilized with 10 min 

incubation of a solution of PBS and 0.1% triton. Proliferative cells were stained 

with anti-Ki67 antibodies (ab15580 – 1:200) and revealed with Alexa Fluor-

conjugated anti-rabbit IgG secondary antibodies (1:1000), while cells nuclei were 

counterstained with 1 µg/ml DAPI. Finally, hydrogels were observed with a 

fluorescence microscope (Nikon TiE). After image analysis, proliferation 

percentage was determined as the percentage of Ki67 positive cells in relation to 

the total amount of cell per image (>15 images per condition). Three hydrogels 

were measured for each condition.  
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VII. Three-dimensional in vitro evaluations 

VII.I. Human keratinocytes culture 

Keratinocytes used to form the stratified epidermis on the skin equivalents 

formed with DGL/PEG hydrogels were isolated after enzymatic treatment of child 

foreskin biopsies. Skin biopsies were disinfected by a 15 minutes incubation in 

10% dermal betadine, subsequently washed with a solution of PBS with 5% v/v 

penicillin/streptomycin. The biopsies were cut in small pieces (around 0.5 cm2) and 

placed in a Petri dish with the epidermis towards the top. The biopsies were 

incubated overnight at 4°C in 20 ml of a trypsin/dispase solution in DMEM (5 µg/ml 

trypsin, 2.4U/ml dispase, 2,500U/ml streptomycin and 2.5mg/ml penicillin). After 

incubation the epidermis could be easily detached with the help of a pincer and 

scalpel and incubated with 0.5% trypsin-0.02% EDTA for 20 min in a water bath 

at 37°C, while every 5 minutes the cellular suspension was vortexed. The cellular 

suspension was homogenized and filtered through a 70 µm cell filter into a 50 ml 

tube to avoid cell debris and cellular aggregates. Enough supplemented DMEM 

medium was added to complete the 50 ml and centrifuged for 15 min ate 1800 

rpm. Finally, the cell pellet was resuspended in culture medium KGM2 

(keratinocyte growth medium II, Promocell) supplemented with growth factors 

(0.06 mM CaCl2 and 0.1 mg/ml primocin), keratinocytes were counted on a 

Malassez cell and seeded in a cell culture flask at a cell density of 3x104/cm2 

supplemented with 1% FBS to improve cell adhesion. Medium was changed every 

two days and cell were amplified once they reached 80% of confluence. Cells were 

stored in liquid nitrogen and thawed when needed. Cell culture from frozen stocks 

was performed by quickly thawing the cells and adding 10 times the volume of 

KGM2 with 1% antibiotics (penicillin/streptomycin). Cells were centrifuged at 1000 

rpm at 4°C for 5 min and the cell pellet re-suspended in supplemented KGM2 

medium at 37°C. For amplification, cells were seeded at a density of 1x104/cm2 on 

tissue culture flasks, in supplemented KGM2 medium and incubated at 37°C and 

5% CO2.  
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VII.II. Dermal equivalent production  

i) Proliferation and colonization of dermal equivalents  

Sterile porous hydrogel discs (2x9 mm) were punched with a sterile puncher 

(n°4) to obtain a disc with 8 mm of diameter corresponding to the size of culture 

inserts. Hydrogels were placed in 24 well-plates culture inserts (Falcon, pore size 

8 µm). To assure that the hydrogels adhered to the bottom of the insert, the 

remaining liquid was vacuumed from underneath the inserts and the plate was 

stored at 4°C before use. Before cell seeding, hydrogels were rehydrated with 200 

µl of DMEM-F12, supplemented with 10% Hyclone II FBS (Fisher Scientific) and 

1% antibiotics (s/p). Normal human dermal fibroblasts were seeded on the surface 

of the porous hydrogels at a density of 1x105/hydrogel in 50 µl, hydrogels were 

incubated at 37°C and 5% CO2 for two hours, then 2 ml of supplemented DMEM-

12 were added. Samples were incubated at 37°C and 5% CO2 and the medium was 

changed every two days using of a vacuum pump.  

For proliferation studies, samples were retrieved after 7, 14 and 21 days of 

cell culture and fixed in 4% PFA for 30 min. Samples were embedded in OCT 

compound (Sakura) by successive 10-30 min baths of increasing concentrations of 

OCT in PBS (50%, 75%, 85% and 100%). After embedding, samples were frozen 

in dry ice and cross sections (12 µm) were performed every 100 µm, collected on 

glass slides and dipped in glacial acetone for 20 min. To evaluate cell density, 

infiltration and proliferation, cell nucleus was staining with 10 min incubation of 2 

µg/ml DAPI (Sigma-Aldrich) solution and observed with florescence microscopy 

(Nikon TiE). Cell number per section was quantified with the ITCN (image-based 

tool for nuclei counting) plugging for ImageJ, allowing a semi-quantification of 

proliferation over time. To do so, the threshold was adjusted, and the following 

process was performed to all images: binary image creations, fill holes, convert to 

mask and watershed, particle analysis with limitations to 0-1000 µm2 size and 0.2-

1 of circularity. The results were normalized to the surface of each hydrogel 

section, resulting in fibroblasts/mm2. Cell homogeneity was determined by 

comparing the variability of the number of cells on different acquisition fields (x10) 

of the same slide section and between different depth sections of the hydrogel and 

expressed as the relative frequency of cells per section.  
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 Cell infiltration and colonization of porous DGL/PEG hydrogel in 3D was 

observed by staining cells nuclei with DAPI and cytoskeleton with fluorescent 

phalloidin. After 21 days of cell culture, colonized hydrogels were fixed with PFA 

4% overnight at 4°C and afterwards stored in PBS containing 0.4% PFA. Before 

staining, hydrogels were washed three times with PBS and finally incubated with 

a solution containing 1 µg/ml DAPI and 1 µg/ml fluorescent phalloidin in PBS for 

15 min protected from light. Before observation, hydrogels were once again 

washed with PBS three times. Cellular infiltration into the pores was observed by 

confocal microscopy (ZEISS, LSM 800) reaching up to 130 µm depth in the 

hydrogel. 

 To determine the optimal seeding density cell number 1x105, 5x105 and 

10x105 cells were seeded on the surface of porous hydrogels placed in cell culture 

inserts and retrieved after 7 and 14 days of cell culture. Cell number was 

determined as previously stated.  

ii) Percentage of matrix contraction 

The percentage of contraction suffered by the scaffolds during cell culture 

was determined by image analysis. DGL/PEG hydrogel with or without ELP were 

compared to classical collagen gels known to retract due to fibroblasts-mediated 

contraction when cultured in 3D, either by encapsulating the fibroblast in the 

collagen gel or by seeding in the cell in the surface of the collagen gel similarly to 

porous hydrogels. Porous DGL/PEG hydrogel production and cell seeding was 

performed as previously explained for all dermal equivalents. Collagen gels were 

prepared with type I collagen from rat tails (Gibco) with a final concentration of 

2.5 mg/ml following manufacturer protocol and poured into 24 well-plates. 

Fibroblasts encapsulated in the collagen matrix were mixed with the gel 

components before jellification at a density of 2.9x105 cells per gel. Fibroblasts on 

the surface of collagen gel were seeded at a density of 3x104 cells per gel. After 12 

hours of incubation at 37°C and 5% of CO2, all collagen gels were detached from 

the edges of the cell culture plate to allow matrix contraction. Colonized gels were 

imaged right after seeding (t0) and on days 2, 4 6 and 9 of cell culture. The 

difference of area of the gel at each time point compared to the initial matrix (t0) 

was measured and expressed as the percentage of contraction.   
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VII.III. Skin equivalents with DGL/PEG hydrogels  

Porous hydrogels of composition 2/19 DGL/PEG with a porosity made of 75% 

50-100 µm and 25% 100-180 µm porogens were prepared as previously stated. 

Human primary keratinocytes (2.5x105 cells/hydrogel in 100 µl) were seeded on 

the surface of 21-day colonized hydrogels (dermal equivalents). After 2 hours, 

1.5ml of proliferation medium (DMEM-F12, 5%  Hyclone II FBS, 1% antibiotics, 

adenine 24 µg/ml, EGF 0.2 ng/ml, hydrocortisone 0.4 µg/ml, insulin 5 µg/ml, 

cholera toxin 8 ng/ml and triiodothyronine 2x10-8 mM) were added and the inserts 

with the colonized hydrogels were maintained immersed. The medium was 

changed every other day. After three days of culture, the inserts were lifted to the 

air interface and the proliferation medium was replaced by a keratinocyte 

differentiation medium (DMEM-F12, 5% Hyclone II FBS , 1% antibiotics, calcium 

chloride 2 mM, hydrocortisone 0.4 µg/ml, insulin 5 µg/ml, cholera toxin 8 ng/ml, 

triiodothyronine 2x10-8 mM and ascorbic acid 50 µg/ml), keeping the upper surface 

of the hydrogel dry. After two days, the Hyclone II FBS percentage was reduced 

to 1% and the cellularized hydrogels kept in culture for 16 days. Differentiation 

medium was changed every day with the help of a vacuum pump. Dermis and skin 

equivalents obtained with the porous hydrogels were compared to a well-known 

and characterized model made of collagen-GAG-chitosan prepared as described by 

Collombel et al [10]. Both models were colonized with the same cells, however, 

the production the dermal and skin equivalents obtained with Col-GAG-Chi sponge 

were performed at the Tissue and Cell Bank of the Hospital Edouard Herriot 

following their internal protocols (Figure 30).  
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Figure 30. Process to obtain skin equivalent process with porous DGL-PEG 

hydrogels and Col-GAG-Chi sponges. Fibroblasts are seeded on top of previously 
sterilized matrices and incubated for 21 days to obtain a dermal equivalent. Keratinocytes 
are subsequently seeded on top of the colonized matrices incubated with proliferation 
medium for 2-3 days depending of the protocol, then samples are placed at air-lift 
interphase and incubated with a differentiation medium. During air-lift interphase, DGL-
PEG hydrogels were maintained in the inserts and transferred to a new plate to adjust 
medium volume and assure air-lift. In the case of Col-GAG-Chi sponges, samples were 
transferred and placed on top of a pre-soaked filter paper.  

 

For analysis, dermis or skin equivalents were retrieved and fixed with 4% 

PFA solution in PBS, after 21 and 42 days of cell culture, respectively. Samples 

were embedded in paraffin, and sections of 5 µm were prepared with a microtome 

(Leica RM2125RT). Skin equivalents were stained with hematoxylin and eosin to 

determine the epidermis thickness by image analysis (NIS Element). Synthesis of 

ECM components was observed by classical immunohistochemistry (IHC) of 

collagen type I (anti-rabbit NOVOTEC 1:4000) and elastin (anti-rabbit abcam 

ab23747, 1 µg/ml) and immunofluorescence of collagen type I (anti-rabbit, 

Novotec 20111, 1:200), laminin-332 (anti-mouse, abcam ab78286 1:500) and 

fibronectin (anti-rabbit, abcam ab45688, 1:250) revealed with Alexa fluor-

conjugated anti-rabbit (abcam ab150079) or anti-mouse IgG secondary antibodies 

(Sigma-Aldrich A21236) (1:1000) while cells nuclei were counterstained with 1 

µg/ml DAPI. 

 Furthermore, the formation of collagen fibers in skin equivalents was 

observed by Second Harmonic Generation (SHG) Microscopy. Epidermis 
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stratification was observed by IHC of cytokeratin 10 (abcam ab76318, 1:2000), 

Involucrin (abcam ab53112, 1:400) Keratin 14 (abcam ab181595, 1:2000). 

Proliferative cells were evidenced by immunofluorescence staining of Ki67 (anti-

rabbit, abcam ab15580, 1:500) revealed with Alexa fluor-conjugated anti-rabbit 

(abcam ab150079) and cells nuclei counterstained with 1 µg/ml DAPI. 

VII.IV. Mechanical properties of acellular vs colonized hydrogel 

Before cells seeding, mechanical properties of the acellular porous hydrogels 

were measured by cyclic compression with a dynamic mechanical analyzer (DMA 

242 E Artemis, NEZSTCH). Samples were subjected to penetration (rod 3 mm) at 

10% strain, an amplitude of 60 µm and at a frequency of 10 Hz DMEM-F12 

submersion using a water-bath at 37°C. Porous hydrogels were sterilized with 70% 

ethanol overnight and washed three times for one hour with sterile PBS. Fibroblasts 

were seeded as previously stated for the development of dermal equivalents, 

incubated at 37°C and 5% CO2 and cell medium changed every 2 days. After 15 

and 22 days of culture, samples were retrieved and measured once again using 

the same parameters as the acellular hydrogels. Three hydrogels were measured 

for each condition 

VII.V. Gene expression analysis  

i) RNA extraction  

After 21 days of culture, porous hydrogels colonized by fibroblasts were cut 

in two pieces and immediately frozen with liquid nitrogen and stored at -80°C. RNA 

extraction was performed with a modified TRIzol protocol. Frozen samples were 

transferred to a 2 ml Potter homogenizer with 100 µl of SDS 0.5% (Sigma Aldrich) 

and grinded several times while keeping the homogenizer on ice (justification of 

SDS use described in annexes page 177). Under a fume hood, 300 µl of TRIzol 

(Molecular Research Center) was added before finishing homogenization. After 

transferring the homogenized solution to a 1.5 ml conic tube, 60 µl of chloroform 

(Sigma Aldrich) were added and mixed vigorously. The solution was left several 

minutes allowing decantation and centrifuged at 12,000 g for 15 minutes at 4°C.  

The aqueous phase (upper phase) was carefully recovered and transferred to a 
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new conic tube. The interphase and organic phase were stored at 4°C for 

subsequent protein extraction. To precipitate RNA, 400 µl of isopropanol was added 

to the aqueous phase, mixed by gently turning the tubes upside-down, incubated 

for 10 minutes at room temperature and centrifuged at 12,000 g for 10 minutes 

at 4°C. The supernatant was removed, RNA pellet was washed twice with 800 µl 

of ethanol 70% and centrifuged at 7,500 g for 5 minutes at 4°C. After removing 

all the traces of ethanol, the tubes were left to air dry under the fume hood for 5-

10 minutes and RNA was re-suspended in 25 µl of RNAse-free water. RNA 

concentration and quality were measured by spectrometry with the Nanodrop 2000 

(Thermo-Scientific) and electrophoresed at 100 V in 1% agarose gel prior 

revelation with ethidium bromide under UV light. 

ii) Reverse Transcription  

Reverse transcription was performed from 0.5 µg of total RNA using the 

PrimeScript RT reagent kit (Perfect real time, Takara, Ozyme) following product 

specifications. After thawing on ice and adding reaction mixture, reverse 

transcription was performed in the presence of poly(dT) oligonucleotides in 

thermocycler (Thermocycler T100 Bio-Rad) for 15 minutes at 37°C and stopped by 

enzyme inactivation for 5 seconds at 85°C, then temperature was decreased to 

12°C. The obtained cDNA were transferred on ice and diluted at 1/10 in RNase free 

water for a final concentration of 5 ng/ml and store at -20°C.  

iii) qPCR  

Real time PCR was performed using Rotor-Gene Q (Qiagen) technology. 

cDNA was amplified using the FastStart Universal SYBR Green Master kit (ROX) 

(Sigma Aldrich). 5 ng of cDNA were mixed with kit reagents consisting of Taq 

Polymerase and its buffer, SYBR Green dye, dNTPs, and forward and reserve 

primers at final concentration of 300 nM (Table 7). Samples were subjected to the 

following qPCR program: Activation of Taq polymerase with 10 min at 95°C 

followed by 40 cycles of 10 seconds at 95°C and 30 seconds at 60°C as 

amplification cycles then 1 minute at 60°C followed by 1 minute at 90°C. Melt 

curves were obtained by subsequently heating from 55-95°C rising 1°C per cycle. 

Gene expression was normalized to the RPL13A housekeeping gene and expressed 

as fold ratio compared to hydrogel without ELP.  
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Table 7. Sequence of primers used for qPCR analysis.  

Gene  Primers  Sequence (5’→3’)  

RPL13A   
Forward  GAT GGT GGT TCC TGC TGC CC 

Reverse GGC TTT CTC TTT CCT CTT CTC CTC C 

COL1A1 
Forward CAG CCG CTT CAC CTA CAG C 

Reverse TTT TGT ATT CAA TCA CTG TCT TGC C 

FN1 
Forward ATG ACG CTT GTG GAA TGT GTC G 

Reverse ATT CAC CTA CAA TGG CAG GAC G 

ELN 
Forward GTT GGT GGC TTA GGA GTG TCT G 

Reverse  CGG CAC TTT CCC AGG CTT C 

VII.VI. Gelatin zymography  

a) Principle  

Zymography is a technique that allows to assess the enzymatic activity. 

Total proteins are separated as function of their size by denaturating non-reducing 

SDS-PAGE containing the substrate of the enzymes of interest. After renaturation, 

activation and incubation, the enzymes degrade the substrate where they 

focalized. Finally, coomassie blue staining will show the proteolytically cleaved sites 

as clear white bands on a dark-blue background.  More specifically, gelatin 

zymography allows to detect the gelatinase A (MMP-2) and B (MMP-9) activities. 

MMPs appear as two white bands corresponding to the pro- and activated forms.  

 

b) Protocol  

Gelatinases produced by the fibroblasts seeded in hydrogels were 

determined by zymography after 20 days of cell culture. At day 18, complete 

medium was discarded, cells were rinsed once with PBS, and DMEM-F-12 without 

FBS was added for the 2 last days. Conditioned medium was recovered and frozen 

-80°C. Medium was thawed on ice and 24 µl of conditioned medium without serum 

were loaded into a gelatin gel (SDS-PAGE 0.1% gelatin p/v) and run at 4°C for 30 

minutes at 90V and 1 hour at 160V. After migration the gelatin gel was washed 

twice with Triton X-100 (2.5% v/v) and incubated for 48hrs at 37°C in activation 

buffer (58 mM Tris/HCL pH 7.2, 200 mM NaCl, 5 mM CaCl2 and 0.01% v/v Triton 

X-100). The gel was stained for 30 min (0.2% w/v colorant G-250, 20% methanol, 

70% distilled water, and 10% acetic acid) and exposed with white light after 

discoloration (20% methanol, 70% distilled water, and 10% acetic acid) with a 
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Fusion Camera (Fusion Fx7, Vilber Lourmat). Gel bands were analyzed with 

GelAnalyser. As control HT1080 (human fibrosarcoma cell line) conditioned 

medium was used. The ratio of expression of pro-MMP-2 and active MMP-2 of 

hydrogels with ELP compared to hydrogels without ELP was determined from three 

different experiments.   

VIII. In vivo biocompatibility assessment  

Biocompatibility of dense and porous hydrogels was assessed by 

subcutaneous implantations of acellular hydrogel on the back of SKH1 mice.  

VIII.I. Subcutaneous implantation in mice  

After approval by local ethics committee, four hydrogel discs per condition 

(2x6 mm diameter) were implanted under the back skin of 8-week-old SKH1 mice 

(Charles River, Ecully, France) under sedation by intraperitoneal xylazin-ketamin 

injection (four hydrogels per mouse, as shown in Figure 31 ). A small incision was 

performed at the low back of the mice and 4 subcutaneous pockets created with a 

sterile spatula. The hydrogels were inserted in the pockets and the incision sutured. 

Mice, fed ad libitum, were monitored every day for recovery and signs of distress. 

After three weeks, the mice were euthanized by anesthetic overdoses (intracardiac 

injection of sodic pentobarbital), the hydrogel samples recovered with surrounding 

tissue, fixed in PFA 4% solution in PBS, embedded in paraffin, sectioned and 

stained with Masson’s trichrome. Fibrous capsule thickness was measured from 

mosaic images by image analysis (Imagej) every 200 µm around the implanted 

hydrogels. 

 

Figure 31. Subcutaneous implantation scheme for biocompatibility assessment.   
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VIII.II. A-SMA staining and blood vessels quantification  

To highlight the penetration of blood vessels in the implanted hydrogels, 

paraffin-embedded sections were stained for α-SMA (anti-rabbit, abcam ab5694 – 

1:250) revealed with Alexa fluor-conjugated anti-rabbit (abcam ab150079) and 

cells nuclei counterstained with 1 µg/ml DAPI and observed by confocal microscopy 

(ZEISS, LSM 800). Round blood vessels with a diameter superior to 10 µm and 25 

µm per hydrogel cross section were counted of 3 sections per condition.  

IX. Statistical analysis  

Statistical analyses were performed with Graphpad prism or Kaleidagraph. 

Tests were performed using variance analysis (ANOVA), t-student or non-

parametric tests (kruskal-Wallis followed by a post-hoc tests), according to the 

experiment and as indicated in figure legends. Data values are presented as mean 

± standard errors (SE) and p-values of 0.05 and below were reported as being 

significant.   
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Is it possible to use poly-L-lysine dendrigrafts as 

crosslinker to form a tailorable PEG-based hydrogel, with 

inherent cell adhesion properties? 

 

A successful scaffold must meet numerous and sometimes conflicting 

requirements. The construct may be as simple as a non-toxic two-dimensional 

surface upon which cells can grow, however, more sophisticated scaffolds may 

seek to encapsulate one or more cell types in three-dimensional structure, arrange 

them in spatially differentiated strata, and incorporate various bioactive factors 

such as hormones, cytokines, or signaling molecules [9]. Poly(ethylene glycol) 

(PEG) hydrogels have been extensively used as matrices for the development of 

tissue engineering scaffolds and in regenerative medicine [17]. However, their bio-

inert properties require coating with ECM proteins or association with other 

functional moieties such as RGD peptides to promote survival or function of 

adherent cells [18]. PEG hydrogels can be crosslinked through various paths, for 

example by functionalization with reactive end-groups, activated by initiators, or 

by direct association with multifunctional monomers. For the latter, dendrimers 

can be used as crosslinking monomers to reticulate functionalized PEG molecules. 

Poly(amidoamine) (PAMAM) dendrimer for instance have been successfully 

associated with PEG to form hydrogels for drug delivery applications that do not 

require extensive interactions with cells [187,193,194]. However, they tend to 

exhibit unwanted features as cytotoxicity and non-degradability, low synthetic 

availability and non-sustainable synthesis [191].  

Poly-L-lysine dendrigraft (DGL) are based on naturally occurring lysine 

amino acid monomers, bestowing additional properties to the versatility of 

dendritic polymer such as water solubility, stability under sterilization conditions, 

partial degradability under the action of endogenous peptidases, non-

immunogenicity and low cytotoxicity [24,25]. Coating with DGL-G3 increased 

cellular adhesion of fibroblasts in comparison to linear poly-L-lysine (PLL) and 

represents the best compromise between biological activity and fabrication cost, 

compared to other generation DGL’s [27]. Interestingly, our laboratory was the 

first to consider DGL as crosslinking monomers to form PEG-based hydrogels, while 
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such hydrogels could benefit from their inherent bioactivity, without the need for 

further association with functional moieties.  

 Therefore, in this first chapter, the use of DGL as crosslinking monomer was 

evaluated in the development of an innovative synthetic hydrogel composed of 

DGL and PEG, with extensive and straightforward tuneable mechanical properties. 

We hypothesized that these hydrogels will benefit from the DGL characteristics and 

therefore allow cell adhesion and proliferation without further coating or 

association with active sequences such as RGD. The characteristics of these 

hydrogels (crosslinking time, swelling and mechanical properties) were 

determined. To validate the potential of these innovative hydrogels as a synthetic 

substrate that supports cell function, different cell types were seeded on the 

surface of dense hydrogels and cell viability, proliferation and morphology were 

determined, in relation to the hydrogel composition. 
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I. Hydrogel characterization  

I.I. Hydrogel formation and crosslinking speed  

DGL/PEG hydrogel formation was possible through the simple and 

straightforward mixing of bifunctionalized polyethylene glycol-NHS (NHS-PEG-

NHS) and DGL solutions. The amine groups present in high density at the DGLs 

surface could be swiftly used as binding sites for the PEG, to form network chains 

through the creation of amide bonds between PEG and DGL via N-

hydroxysuccinimide (NHS), as shown in Figure 32.   

 

Figure 32. NHS ester reaction scheme for chemical conjugation to a primary 

amine. R represents the polyethylene glycol and the one side NHS functionalization; P 
represents the poly-L-lysine dendrigrafts of third generation (DGL-G3) with a large surface 
area of primary amines. 
 

At room temperature, DGL and PEG-NHS solutions respectively comprised 

between 1 to 4 mM and 19 to 30 mM allowed to form self-standing gels, as 

observed in Figure 33. Concentrations of reactants under these values did not allow 

to form self-standing gels, while concentrations above resulted in a too rapid 

crosslinking to allow homogenization.   
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Figure 33. Photographs of the hydrogel at room temperature. A) Dense 2/19 mM 
DGL/PEG hydrogel disc of 2 mm thickness and 9.1 mm diameter. B) Hydrogel in an inverted 
conic tube. 
 

The crosslinking velocity could be varied between 5 and 145 seconds by 

modifying the DGL and PEG-NHS concentrations (Table 8). While concentration 

doubling from 1 mM to 2 mM for a constant PEG-NHS concentration induced a 10-

fold increase of the crosslinking velocity, a 1.6-fold increase of PEG-NHS for a 

constant DGL concentration only marginally decreased crosslinking speed, 

suggesting that DGL concentration has a predominant effect on crosslinking speed, 

this was supported by two-way ANOVA statistical analysis. DGL of third generation 

used in this study present a theoretically important density of amine groups on 

their surface (123), and it has been determined by Coussot et al. that 97.7% of 

this theoretical number of protonated residues are available as binding sites per 

molecules (114) [239]. PEG-NHS, on the contrary, possess only a double NHS 

functionality per molecule. However, it is unlikely that all the end groups will be 

able to react with the PEG molecules due to steric crowding at the surface of the 

DGL, which will limit the maximum number of PEGs that can be grafted to a single 

dendrimer [187]. The fact that an increase of PEG-NHS concentration for a 

constant DGL does not result in a significant increase of the crosslinking speed 

supports this hypothesis by indicating that a maximal number of PEG per DGL has 

been reached. Contrariwise, an increase of DGL at constant PEG-NHS allows to 

reduce the steric crowding by increasing the availability of amine-bearing 

molecules, and therefore increases crosslinking velocity.  

Interestingly, by considering the amount of amine groups and NHS functions 

theoretically available for the covalent reaction to occur, similar ratio of amine to 

NHS resulted in different crosslinking velocities, which increased with a global 

increase of reactant concentrations. This general effect of both reactants 

concentration on crosslinking velocity can be similarly ascribed to the probability 
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of covalent reaction between PEG and DGL. Aside from a logical increase of reactive 

groups density, once a PEG molecule is attached to the surface of the dendrigraft, 

the second NHS function on the other end of the PEG chain will have a lower 

mobility, which will increase its probability to react with an amine function on the 

same dendrigraft and form intramolecular loops [190]. Therefore, the dilution of 

the reaction mixture increases the space between the dendrigrafts, forming many 

intramolecular loops at the expense of effective networks chains. Conversely, 

concentrating the mixture results in the opposite and increases the crosslink 

velocity [187]. 

 

Table 8. Crosslinking time to form self-standing gels in relation to the final 

concentration of DGL and PEG-NHS and ratio of available amine/NHS functions 

(two-way ANOVA between PEG and DGL concentration, * indicates that there is a 
statistically significant difference when DGL concentration is modified, for any given PEG 
concentration, p<0.05, n=3). 
 

Time (s) 
(Ratio amines/NHS) 

PEG-NHS (mM) 
(Available NHS) 

19 
(38) 

28 
(56) 

30 
(60) 

D
G

L 
(m

M
) 

*
 

(A
v
a
il
a
b
le

 a
m

in
e
s
) 

1 
(114) 

144.6 ± 23.3 
(3) 

122.0 ± 24.0 
(2.03) 

140.2 ± 15.8 
(1.9) 

2 
(228) 

14.94 ± 1.1 
(6) 

13.17 ± 1.9 
(4.07) 

12.28 ± 3.5 
(3.8) 

3 
(342) 

10.47 ± 4.5 
(9) 

8.4 ± 1.2 
(6.1) 

7.66 ± 1.1 
(5.7) 

4 
(456) 

6.77 ± 0.9 
(12) 

4.76 ± 0.6 
(8.14) 

5.47 ± 0.6 
(7.6) 

I.II. Swelling, mechanical and degradation properties  

Since hydrogels can absorb great quantities of liquids, the swelling ratio of 

hydrogels of different DGL/PEG compositions was evaluated. To mimic the 

physiological conditions, swelling ratio was determined in PBS at 37°C. The gel 

formed from the crosslinking of DGL and the PEG molecules is effectively a 

hydrogel since it absorbs between 1200 to 2200 times its weight in liquid. As 

observed in Figure 34, the swelling was decreased with an increased concentration 

of DGL or PEG. After 2 hours, most of the water had been absorbed by the 

hydrogel, which reached an equilibrium after 6 hours. The composition with lowest 

concentration of both components (1/19 mM DGL/PEG) showed the greatest ability 
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to absorb PBS, with a swelling ratio of 22.89 ± 1.95 after 24 hours. While no direct 

relationship was observed for an increase in DGL for a constant PEG or, inversely, 

an increase in PEG concentration for a constant DGL concentration, the swelling 

was decreased by an increase of the total hydrogel concentration.  

 

Figure 34. Swelling ratio in PBS at 37°C of hydrogels of different compositions. 

Hydrogel concentration is expressed as the ratio DGL/PEG in mM (five hydrogels per 
condition, two-way ANOVA, p<0.05 * at 24hrs). 
 

A similar effect was observed when the relationship of hydrogel composition 

and their resulting rigidity was determined by mechanical dynamic analysis. The 

loss modulus (E’’), storage (E’) and complex modulus (E*) were determined at 

increasing frequencies between 1 and 10 Hz.  Overall, the complex modulus of the 

different hydrogels was increased with an increased concentration of PEG and DGL, 

varying from 7.7 ± 0.7 KPa to 90.4 ± 28.8 KPa (Figure 35.A). Like the swelling 

ratio, the rigidity of the hydrogels was modified by the increase of total hydrogel 

concentration and not related specifically to an increase of DGL or PEG.  For all 

hydrogels, the storage modulus (E’) was greater than loss modulus (E’’) over the 

entire frequency range, confirming the typical viscoelastic behavior of hydrogels.  

As shown in Figure 35.B,  the ratio of the moduli (E’’/E’) that describes the viscous 

energy dissipation relative to the stored elastic energy of the hydrogel, also known 

as tan delta, was always lower than one. While E’ was constant for all applied 

frequencies, E’’ increased with frequency, a typical behavior of rubbery elastic 

materials [241].   
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Figure 35. Mechanical properties of dense DGL/PEG hydrogel. Hydrogel discs 
(2x9.1mm) of different compositions were measured at room temperature under PBS 
immersion by dynamic mechanical analysis in compression at a 10% strain and 60 µm of 
amplitude (Hydrogel concentration is expressed as the ratio DGL/PEG in mM). A) complex 
modulus, B) tan delta, C) storage modulus and D) loss modulus.  (At least five hydrogels 
per condition, two-way ANOVA, p<0.05, *compared to 1/19, τ compared to 1/28 and γ 
compared to 2/19). 
 

In summary, solutions of increasing DGL and PEG-NHS concentrations but 

of similar ratios resulted in increasing crosslink velocities and mechanical 

properties but decreased swelling. As previously mentioned, the dilution of the 

components for a similar ratio of available amines per NHS group can have an 

impact in the intermolecular bonds formed. One PEG molecule that has already 

attached to one dendrigraft will have greater probabilities to react with another 

amine group of the same molecule, compromising the strength of the network but 
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increasing its swelling properties. Therefore, the effect of the polymer content 

could be logically ascribed to an increase of crosslinking density due to a closer 

presence of the amine (DGL) and NHS (PEG) reactive species. Since the 

arborescent molecules function as junction points in the crosslinking system, an 

increase in crosslinks density will limit the expansion of the network, meaning a 

more compact mesh that leads to a decrease in swelling and an increase in rigidity. 

This has also been observed for other hydrogels where the Young’s modulus tends 

to decrease with an increased swelling [190,242]. Similarly, Gitsov et al. observed 

that the swelling properties of hydrogels prepared from PEG and various dendritic 

fragments were not related to the PEG concentration or the dendrimer generation 

but mainly to the total increase in component concentration [243].  

 

Figure 36. Hydrogel percentage of degradation in different environments. 

Degradation expressed as the weight loss through time in different buffers, citrate buffer 
(pH 5), phosphate buffered saline (pH 7.4) and carbonate-bicarbonate buffer (pH 10). (at 
least three hydrogel per conditions, two-way ANOVA, p<0.05 * compared to hydrogel 
before degradation) 

 

Finally, the in vitro degradation of two hydrogel compositions were 

evaluated in citrate buffer (pH 5), carbonate-bicarbonate buffer (pH 10) or 

phosphate buffer saline (pH 7.4) by measuring their weight loss over time. As 

shown in Figure 36, both hydrogel compositions, 1 and 2  mM of DGL for 19 mM 

PEG showed a similar degradation rate. After two months, just a marginal decrease 

in weight mass was observed for hydrogels in PBS (pH 7.4) and citrate buffer (pH 

5). However, a 20% weight loss was observed for both compositions in a carbonate 

buffer (pH 10) after just one month of incubation, indicating a potential hydrolysis. 

This hydrolysis could occur on the secondary amides in the PEG chain in basic 

conditions [244], as depicted in Figure 37.  While no difference was observed by 
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increasing the DGL concentration, the effect of PEG concentration in degradation 

rate was not determined.  

 

Figure 37. Scheme of secondary amide hydrolysis in basic conditions. 

 

To further determine the biodegradation of the polymer, other in vitro 

studies in the presence of enzymes or in vivo degradation tests must be performed. 

Nevertheless, the degradation studies performed in different buffers indicate that 

the polymer is stable and does not extensively degrade or dissociate in 

physiological conditions. This can also indicate that the hydrogels can have a self-

life of at least 52 days under physiological conditions without suffering 

degradation.  

II. Cell response to the biomaterial  

To assess the potential of the DGL/PEG hydrogels as cell substrate that 

allows cell adhesion without further coating or moiety incorporation, different cell 

types were seeded on the surface of dense hydrogels of different compositions. 

The behavior of the cells was investigated to validate if DGL can convey biological 

properties to the hydrogel, similar to coated surfaces. 

II.I. Human nasal chondrocytes preliminary response to the hydrogel  

First, the viability and morphology of freshly extracted nasal human 

chondrocytes on 1/19 and 2/19 mM DGL/PEG hydrogels was evaluated with a 

life/dead assay and DAPI/phalloidin staining. After 7 days of culture, chondrocytes 

could adhere on the surface of the hydrogels and no sign of cytotoxic effect on 

either composition was noticeable (Figure 38.B). An increase of cell number was 

observed over culture time by phase contrast images suggesting that cells were 

able to proliferate, however, proliferation was not measured (Figure 38.A).  

Interestingly, as shown in Figure 38.C, a higher fraction of chondrocyte round 

morphology was maintained by the soft hydrogel composition (1/19  mM DGL/PEG 
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– 7 kPa) while chondrocytes appeared to dedifferentiate in more rigid hydrogels 

and displayed elongated morphologies (2/19 mM DGL/PEG- 40 kPa). Similarly, 

when seeded in culture plastic dishes chondrocytes tend to dedifferentiate to a 

more fibroblastic-like morphology, losing their spherical shape [245]. 

 

Figure 38. Response of Human nasal chondrocytes seeded in the surface of 

hydrogels of different compositions. (Hydrogel concentration is expressed as the ratio 
DGL/PEG in mM) A) Phase contrast images after 2 and 7 days of culture (scale bar 100 
µm. B) Cell viability by live/dead assay after 7 days. Live cells are observed in green and 
dead cells in red (scale bar 500 µm). C) Cytoskeleton structure observed by DAPI-Phalloidin 
staining after 7 days of culture. Cell nuclei appear in blue and actin fibers in red (scale bar 
50 µm). 
  

Benya et al. were able to re-express the native chondrocyte phenotype after 

serial monolayer dedifferentiation by suspension culture on the surface of agarose 

gels. They hypothesized that this was due to the maintenance of a spherical shape 

of cells in the gels, as opposed to the flattened shape in monolayer culture [246]. 

Moreover, it has been widely stated that cells are able to sense the mechanical 

cues of their microenvironment and commit to a specific phenotype depending of 

its mechanical properties [197]. In this manner, Schuh et al. demonstrated that 

substrates with low elastic modulus (4 kPa) could help to maintain the 

chondrogenic phenotype independently from the availability of adhesion sites 

[247]. While morphology is a good indicator of the chondrocyte phenotype, these 

results are still preliminary. To better determine the potential of these hydrogels 

as a substrate to maintain the normal chondrocyte phenotype, the type of 

extracellular matrix synthesized by the chondrocytes must be assessed. For 

example, a higher type II collagen expression as compared to type I collagen would 

further indicate a proper chondrocyte phenotype [245,247]. Nevertheless, these 
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results clearly indicate a lack of the DGL/PEG cytotoxicity and the ability for 

chondrocytes to adhere on their surface.    

II.I. Human dermal fibroblasts response to hydrogel 

a) Viability and cell adhesion 

To further assess the potential of DGL/PEG hydrogels to interact with cells 

and its potential as a substrate in skin engineering, human dermal fibroblasts were 

seeded on the surface of dense hydrogels of a broader composition range. Cell 

viability was evaluated with a life/dead assay (Figure 39.A). After 1 day of culture, 

an overall very low cytotoxicity was observed, as the majority of cells that adhered 

on the hydrogels were alive; except for the composition 3/19 mM DGL/PEG, which 

showed a mortality of 79.3 ± 5.9%. After 3 culture days, compositions 1/19, 1/28 

and 2/19  mM DGL/PEG presented  around 85% of viability while more 

concentrated compositions 2/28 and 3/28 mM DGL/PEG showed no difference to 

control cells seeded on polystyrene culture dish, with a viability of 97.9 ± 0.7 and 

96.0 ± 2.3%, respectively (Figure 39.B).  
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Figure 39. Dermal human fibroblast viability. (Hydrogel concentration is expressed as 
the ratio DGL/PEG in mM). A) Cytotoxicity by live/dead assay after 1 and 3 days of culture 
on the surface of hydrogels of different compositions (scale bar 200 µm). Live cells are 
observed in green and dead cells in red B) Viability percentage obtained from image 
analysis (at least seven hydrogels, one-way ANOVA, p < 0.05 * compared to control, 
culture plastic). 
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Hydrogel composition had an apparent effect on cell adhesion, as shown in 

Figure 40. With an increase of DGL concentration, the total number of cells that 

adhered to the hydrogel’s surfaces was increased, regardless if they were alive or 

dead. Cells adhesion was minimal when the DGL concentration was low (1 mM) 

regardless of the associated PEG concentration, indicating that a minimal DGL 

concentration is necessary to favor cell attachment to the hydrogel. Similarly to 

DGL coated surfaces [27], the ability of cells to attach and spread to DGL-

containing hydrogels could be attributed to early electrostatic interactions between 

the polyanionic cell surfaces and the polycationic charges brought by amine groups 

of the DGL.   

While the concentration of DGL plays a major role on the adhesion to the 

surface of the hydrogels, viability was dependent of the ratio between DGL and 

PEG. Indeed, mortality was observed where the ratio of amines to NHS groups was 

greater than nine. The cationic nature of DGL that provides them their cell adhesion 

properties is possibly also the cause of their cytotoxic effect since excessive 

cationic charges can affect the integrity of the cell membranes [248]. When 

coupled with PEG molecules, PEG might shield the dendritic cationic charges and 

improve the DGL viability, since an increase in PEG concentration resulted in an 

increase of adhered cell viability. Similarly, Tang et al. showed that PEG-gelation 

of DGL vectors for gene therapy allowed to decrease the vectors toxicity [249].   

 

Figure 40. Fibroblast cell adhesion after 24hrs of cell seeding on top of hydrogels 

of different compositions. (Hydrogel concentration is expressed as the ratio DGL/PEG in 
mM). Number of cells obtained from image analysis of live/dead (at least seven hydrogels 
per condition One-way ANOVA, p<0.05, *compared to control, culture plastic, τ compared 
to 1/19 mM DGL/PEG and γ compared to 1/28 mM DGL/PEG). 
 



114 

 

b) Cell proliferation 

Human dermal fibroblasts seeded on top of hydrogels were able to 

proliferate over time in certain compositions. An increase in cell number was 

observed for hydrogels with viability over 84% and a minimum of 2 mM DGL, while 

hydrogels with low concentrations of DGL (1 mM) showed proliferation rates close 

to zero (Figure 41). Compared to controls (135.2 ± 26.19), proliferation rates were 

lower at large, although hydrogel compositions 2/28 and 3/28 mM DGL/PEG 

showed similar proliferation rates of 69.9 ± 8.1 and 66.7 ± 14.6, respectively. 

In vivo, fibroblasts are in quiescent/secretory state unless induced into 

proliferation by the release of stimulating factors as a result of tissue damage [250] 

or by culturing then in vitro on glass or tissue culture plates. Likewise, when seeded 

on collagen substrates, fibroblasts proliferation rate was decreased compared to 

plastic controls [250–252]. Sarber et al. suggested that the difference of 

proliferative activities when fibroblasts were seeded on collagen lattices was 

attributed to the similarities to a tissue-like environment [250]. Similarly, a 

decrease of proliferation has been observed in other biomaterial composites 

without collagen. Mekhail et al. showed a significantly lower count of fibroblasts 

seeded on top of chitosan/Poly-L-lysine gels, compared to plastic controls [253]. 

On the other hand, the different proliferation rates between DGL/PEG 

compositions can be explained by their differences in rigidity. Proliferation of 

fibroblasts has indeed been widely demonstrated to be modified by substrate 

mechanical properties, an increase in rigidity resulting in an increase in 

proliferation in both 2D and 3D models [202,254,255].  

 

Figure 41. Cell proliferation rate of fibroblasts seeded on the surface of hydrogels 

of different compositions. (Hydrogel concentration is expressed as the ratio DGL/PEG in 
mM). Proliferation rate obtained from cell nuclei counting after 1, 4 and 8 days of culture 
is expressed as the slope obtained from cell quantification through time (at least three 
hydrogels per condition, one-way ANOVA, p<0.05, *compared to control, τ compared to 
1/19 and γ compared to 1/28). 
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c) Cell morphology  

The morphology of fibroblasts seeded on hydrogels was evaluated by 

determining the spreading area, circularity and ferret diameter from phase 

contrast images of cells 24 and 72 hours post-seeding (Figure 42). Cell morphology 

was modified by hydrogel composition, with a slight increase of cell spreading for 

all hydrogels after 72 hours (Figure 42.B). The morphological parameters of 

fibroblasts seeded on tissue culture controls could not be determined at 72 hours 

since confluence was then already reached, preventing to perform accurate image 

analysis of individual cells. While the effect of DGL concentration on cell adhesion 

and the effect of the DGL/PEG ratio on cell viability was clear, the influence of 

hydrogel composition on cell morphology and proliferation seems to be related to 

the overall substrate rigidity, similarly to what was observed with chondrocytes. 

Cells on hydrogels with smaller concentrations of DGL (1 mM) and therefore 

smaller percentage of adhesion and low rigidity (7-10 kPa) presented a round 

morphology similar to non-adherent cells, as shown in Figure 42.A, with a mean 

circularity of 0.8, the smallest ferret diameter (26.9 – 28.9 µm) and no 

proliferation. Conversely, an increase in DGL concentration for a given PEG 

concentration resulted in a more spread morphology and an increase in 

proliferation only when the mechanical properties were also increased, as for 

hydrogel composition 1/19 and 2/19 or 1/28 and 2/28 mM DGL/PEG. However, 

when there was no significant increase of substrate rigidity, fibroblasts showed 

similar morphology and proliferation rate, as could be observed for compositions 

2/28 and 3/28 mM DGL/PEG, were both compositions showed a similar spreading 

area, circularity and ferret diameter. On the other hand, when PEG concentration 

was increased for a constant DGL concentration (2 mM), the hydrogel rigidity 

increase was reflected in a higher proliferation, fusiform-like spreading 

morphology, ferret diameter (108 µm compared to 75.4 µm) and in a lower 

circularity (from 0.6 to 0.42). Similarly, compositions 2/19 and 3/28 mM DGL/PEG 

with a similar amine/NHS ratio, but different overall polymer concentrations and 

therefore substrate rigidity (respectively, 41.5 ± 5.0 to 76.7 ± 15.5 kPa) showed 

different cell proliferation and spreading. 
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Figure 42. Dermal fibroblast morphology when cultured on the surface of 

hydrogels of different compositions. (Hydrogel concentration is expressed as the ratio 
DGL/PEG in mM). A) phase contrast photos after 24 hours and 72 hours of cell seeding 
(scale bar 200 µm). B) Spreading area per cell. C) Circularity and D) Ferret diameter. 
Morphology parameters were obtained from images analysis of phase contrast photos of 
at least ten hydrogels per conditions at 24 hours and five hydrogels after 72 hours. Control 
was analyzed only after 24hrs since cells had reached confluence after 72 hours. (One-way 
ANOVA, p<0.05, * compared to control at 24 hours).  

 

The effect of hydrogel composition on cell morphology and F-actin stress 

fiber formation was further confirmed by staining with fluorescent phalloidin after 

1, 3 and 8 days of culture. The presence of actin fibers was consistent with cell 

spreading area as observed in Figure 43. Several groups have studied how different 
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cell lines “feel” and respond to the mechanical properties of their environment, 

showing an increase in spread area and stress fibers with an increase in substrate 

rigidity [200,202,203,254]. For instance, Lo et al. showed that 3T3 fibroblasts were 

able to easily migrate across soft-rigid boundaries upon the same polyacrylamide 

gel with an increase in spreading and traction forces [256]. Solon et al. further 

showed that fibroblasts were able to increase their internal stiffness to match that 

of their substrate, proving what substrate stiffness is a crucial regulator of cell 

morphology and behavior [257]. Similarly, Ghosh et al. showed evidence that cells 

sense the substrate mechanics and undergo arrangement to match the substrate 

and reach a new equilibrium, resulting in a proliferation increase of dermal 

fibroblasts with an increase in substrate rigidity [254]. 

 

 

 

Figure 43. Cytoskeleton structure of dermal fibroblasts seeded in the surface of 

hydrogel of different compositions (hydrogel concentration is expressed as the 
ratio DGL/PEG in mM) by DAPI-Phalloidin staining after 1, 4 and 8 days of culture. 
Cell nuclei appear blue and actin fibers red (scale bar 100 µm). 

 

  



118 

 

Critical evaluation and conclusion 

We have demonstrated that DGL-G3 can serve as a multifunctional 

crosslinker to form through straight forward approaches a novel and stable PEG-

hydrogel system. While crosslinking velocity of the hydrogel was mainly dependent 

of DGL concentration, hydrogel’s properties such as swelling and mechanical 

properties were modified by an increase in total concentration. A dilution of the 

same amine/NHS ratio decreases the substrate rigidity and increases the swelling 

ratio. Moreover, the crosslinking of PEG-NHS with DGL facilitates cellular 

attachment and proliferation of human nasal chondrocytes and human dermal 

fibroblasts. As expected, cell adhesion of different cell types on the hydrogels 

surface was mainly dependent of the concentration of DGL, however, minimal 

concentration of PEG in relation to DGL is needed to sustain the viability of the 

adhered cells. Contrarily, cell behavior and morphology appear linked to substrate 

rigidity rather than hydrogel composition. While human nasal chondrocytes 

preserved their round morphology on softer hydrogels, fibroblasts showed a 

spindle-shaped morphology and the ability to proliferate in more rigid hydrogels. 

The possibility of controlling the hydrogel mechanical properties by modifying its 

components opens their potential for a wide range of soft tissue applications. 

However, DGL/PEG hydrogel crosslinking is not optimal for the encapsulation of 

cells (data non shown), therefore, to properly study its potential as a substrate to 

mimic the ECM and support cell culture as a three-dimensional matrix, hydrogel 

should be made porous to allow cell infiltration.  
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Can the DGL/PEG hydrogel be formulated into a porous 
scaffold to allow fibroblast infiltration and to produce a 
dermal matrix for a full-thickness skin equivalent?  

 

Most full-thickness equivalents are based on a collagen-matrices as the 

support to produce the dermal component. However, while natural polymers confer 

biomaterials with their inherent ECM structure and biochemical activities, they tend 

to have weak mechanical properties, batch-to-batch variability and risk of 

pathogen transfer [15,16]. Moreover, the use of animal source ingredients, 

especially in the cosmetic industry is subjected to an ethical dilemma [1]. We 

previously introduced a novel synthetic DGL/PEG hydrogel which demonstrated 

inherent biological activity; by allowing cell adhesion and viability on a two-

dimensional environment. While it’s been shown that bulk material properties have 

an important impact on cell interactions with the biomaterials, another important 

factor to consider is the macroscopic properties, such as pore size, interconnection 

and porosity [176,258]. Therefore, to properly study the interactions with the 

biomaterial in a more physiological condition and to be able to support co-culture 

and tissue formation, cells must be cultured in a three-dimensional 

microenvironment. To do so, the transformation of the DGL/PEG hydrogel into a 

porous scaffold was evaluated using a particulate leaching technique with paraffin 

microspheres as porogens. The use of paraffin as porogens favors the use of 

nontoxic solvents (such as ethanol) [183]. This technique has demonstrated to be 

able to direct pore size by controlling the porogen size distribution, with a good 

correlation when using paraffin microspheres [232]. The cellular infiltration of 

dermal human fibroblasts into the macroporous structure was evaluated in relation 

to pore size, porosity and interconnection between pores to obtain a dermal 

equivalent. Furthermore, to evaluate the potential of the porous hydrogels as a 

matrix to support full thickness skin equivalents, the ability of fibroblasts to 

proliferate within the hydrogel and produce their own ECM to form a dermal 

equivalent was assessed. Finally, to validate the use of the porous hydrogels in the 

development of skin-engineering, keratinocytes were seeded on top of the 

fibroblast-colonized hydrogels and the resulting full-thickness skin equivalents 

were compared to skin equivalents obtained with well-known Collagen-GAG-

Chitosan model, which supports a properly stratified epidermis [126].   
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I. Hydrogel as a porous scaffold  

I.I. Pore size, macrostructure and interconnectivity  

In addition to the intrinsic characteristics of the polymer that will determine 

cell viability and cell adhesion, the macrostructure (e.g. porosity, pore size, 

interconnectivity and surface area) plays an important role in biocompatibility and 

cell infiltration of tissue engineering scaffolds; since these characteristics are 

important to recapitulate the cues present in the native extracellular matrix and 

therefore mimic the cell microenvironment [164]. Accordingly, a particulate 

leaching using paraffin microspheres as porogens was evaluated as fabrication 

technique to render the hydrogel porous. As shown in Figure 44.A, porogens 

obtained after emulsion-based process have a spherical shape. Paraffin-leaching 

has the advantage to produce spherical pore shapes with well-controlled interpore 

connectivity contrary to salt-leaching where pore shape is limited to the cubic 

crystal shape of NaCl salt [183]. Moreover, the use of paraffin as porogens instead 

of salt or sugar porogens avoids the dissolution of porogens during reticulation in 

aqueous medium. Here, two sieved paraffin microspheres populations (50-100 and 

100-180 µm) used to create the pores contained 80.7 and 72.6% respectively of 

the expected size population (Figure 44.B), probably due to the difficulty to 

properly sieve out of range populations.  

 

Figure 44. Porogens for particle/leaching technique. A) Paraffin microspheres used 
as porogens obtained after sieving between 50-100 µm and 100-180 µm. B) Size 
distribution of paraffin microspheres obtained from images analysis of five different 
production batches. 
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 After pouring the hydrogel mixture into a template of compacted 

microspheres, paraffin could be effectively removed producing a homogeneous 

porous structure, as observed in Figure 45. This technique allows to control the 

pore size by varying the size of the porogen. Ma et al. demonstrated that by using 

paraffin as porogens it is possible to obtain a macroporous structure replica of the 

compacted paraffin microspheres used as a casting template [183]. 

 

 

Figure 45. Porous hydrogel slide after paraffin extraction. Hydrogel prepared with a 
range of paraffin microspheres of 50-180 µm. Hydrogel autofluorescence in white (scale 
bar 100 µm). 
 
 

Beside pore size, a key factor determining the potential of a porous material 

as a scaffold is the interconnection within its porous structure. Indeed, 

interconnectivity between pores has been related to cell ingrowth, vascularization 

and nutrient diffusion [176–178]. To evaluate the presence of interconnection 

between pores in the formed hydrogels, the macrostructure of two different 

hydrogel compositions with a similar ratio of available amines/NHS was observed 

by environmental scanning electron microscopy (ESEM). As shown in Figure 46, 

images clearly indicate the presence of fenestrations between the pores. 

Interestingly, no apparent difference could be noticed between the two hydrogel 

compositions, suggesting that paraffin template is the predominant factor in 

providing the macrostructure organization independently of hydrogel composition.  
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Figure 46 Environmental scanning electron microscopy (ESEM) images of porous 

hydrogels of different compositions. Hydrogel concentration is expressed as the ratio 
DGL/PEG in mM. Both hydrogels were prepared with 75% 50-100 µm and 25% 100-180 
µm paraffin microspheres. Left magnification x300 and right x600.  

 

I.II. Mechanical properties of porous hydrogels 

In order to mimic the mechanical properties reported for the skin, the 

mechanical properties of two different DGL/PEG porous hydrogels prepared with 

increasing DGL/PEG concentrations were measured by compression mode with 

dynamic mechanical analysis (DMA). The complex modulus (E*) and tan delta (tan 

δ), were determined at increasing frequencies (1 and 20 Hz). As observed in Figure 

47.A, both hydrogels behaved as elastic materials since tan delta was smaller than 

one. Complex modulus was increased with an increase in frequency from 1 to 10 

Hz, then stabilized at 10 Hz. While both hydrogel compositions have a similar ratio 

of available amines for NHS groups (see Table 8, in page 105), more concentrated 

hydrogels showed an increase in rigidity. As shown in Figure 47.B, rigidity of porous 

hydrogels at 10 Hz varied from 15.2 ± 2.0 to 34.39 ± 20.6 kPa for hydrogel 

compositions 2/19 and 3/28 mM DGL/PEG, respectively. Hydrogel variability was 

increased in higher concentration hydrogels (3/28) due to an increase of the 

crosslinking speed. Even though highly concentrated hydrogels were produced in 

a cold room to slow down the reaction (<10 seconds at room temperature) 

hydrogel homogeneity was decreased. Overall, macroscopic mechanical properties 

of 2/19 and 3/28 mM DGL/PEG porous hydrogel were decreased to 63.4% and 

54.5%, in comparison to their dense counterparts (see Figure 35.A, page 107).  
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Figure 47. Mechanical properties porous DGL/PEG hydrogel discs (2x8mm) of 
different compositions (hydrogel concentration is expressed as the ratio DGL/PEG in 
mM) measured at room temperature under PBS immersion by dynamic mechanical analysis 
(DMA) using compression mode at a 10% strain and 60 µm of amplitude. A) Tan delta B) 
Complex modulus (at least seven hydrogels per hydrogel composition, t-student *p<0.05) 
  

 

Depending of age, human skin complex modulus has been reported in the 

range of 6-15 kPa by indentation techniques (see Table 1 in page 41). This 

suggests that hydrogel 2/19 mM display a mechanical behavior closer to what is 

observed in vivo for skin. Moreover, the input provided by cells and ECM 

component after seeding most be considered. Dermal equivalents have shown to 

increase up to 22% the mechanical properties of acellular matrices due to the 

cellular components and the matrix deposition [259].  

I.III. Cellular infiltration and hydrogel porosity  

To determine the capacity of the porous hydrogels to allow cell infiltration 

and determine the most suitable structure in this respect, mixtures of 50-100 and 

100-180 µm paraffin microspheres populations were used. The ability of 

fibroblasts, deposited on the surface of the porous matrices, to infiltrate over time 

was then assessed to confirm the interconnection between pores. As observed in 

Figure 48, at early culture times (7 days after seeding), fibroblast penetration 

appeared deeper in porous hydrogels prepared with a higher fraction of 100-180 

µm paraffin beads. This tendency was inversed between 7 and 14 days of culture 

as the most effective cell colonization was observed for hydrogels with a higher 

fraction (75%) of 50-100 µm paraffin beads. Bigger pores allowed a rapid 
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infiltration at 7 days; however, cell infiltration was probably interrupted due to the 

lack of interconnected pores throughout the hydrogel.  

To investigate the role of DGL/PEG hydrogels porosity on cellular infiltration, 

a standard liquid displacement method using a pycnometer was employed. 

Hydrogels prepared with microsphere fractions between 50-100 and 100-180 µm 

resulted in a porosity of 70.8 ± 1.9 % and 76.0 ± 3.2 %, respectively. Larger 

porogen spheres seemed to induce a slight increase in hydrogel porosity, however, 

not significantly. An intermediary value of 74.1± 4.9 % porosity was obtained for 

the composition that allowed the best cell infiltration (75% 50-100 µm and 25% 

100-180 µm). The lack of an important difference in terms of porosity confirms 

that the difference in cell infiltration is probably due to a better interconnection 

between pores. It is possible that by compacting a broader size distribution of 

paraffin microspheres, the void space between bigger microspheres is decreased 

due to the presence of intercalated smaller spheres, consequently increasing the 

interconnection between pores [260]. 

 

 

Figure 48. Cellular infiltration of human dermal fibroblast (NHDF) seeded in 
porous hydrogels with different pore size distributions. Pore size distributions were 
prepared by increasing the weight percentage of 50-100 µm paraffin beads in a mix with 
100-180 µm beads in hydrogel composition 2/19 DGL/PEG. A) Maximal depth reached by 
fibroblasts over time obtained from image analysis. Non-parametric tests (Kruskal-Wallis 
followed by a test post-hoc the Nemenyu). B) Representative images of cell infiltration, 
cells nuclei stained in blue (scale bar 200 µm). Graph obtained by intern Céline Tournier. 
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II. Porous hydrogel as a three-dimensional matrix to produce 

dermal and skin equivalents  

To assess the potential use of the porous hydrogels as a three-dimensional 

scaffold to produce dermal and skin equivalents, hydrogel composition with the 

mechanical properties closest to the values reported for human skin and with the 

porous structure that showed the most important cell infiltration were employed 

(2/19 mM DGL/PEG with 75% of 50-100 µm paraffin beads). The use of this 

hydrogel as a three-dimension matrix to obtain skin equivalents was compared to 

a well-known and widely use collagen-GAG-chitosan model [10,261]. Control 

models were performed as described by Collombel et al, at the Tissue and Cell 

Bank of the Hospice de Lyon following their cell culture protocols [2]. 

II.I. Fibroblast proliferation within DGL/PEG porous hydrogel 

Human dermal fibroblasts seeded on top of porous hydrogels were able to 

proliferate and colonized the porous structure. As shown in Figure 49.A, the 

number of fibroblasts within the porous hydrogel steadily increased up to 4.2 folds 

after 3 weeks of culture, clearly highlighting the role of cellular proliferation in the 

porous hydrogel colonization. Additional fibroblast infiltration could be observed 

after 21 days of cell culture indicating that cells could reach more than 900 µm 

with longer culture times. As observed in Figure 49.C, fibroblasts form a three-

dimensional network within the pores. In comparison to two-dimensional cell 

culture (Figure 41, see page 114), when cultured in a three-dimensional 

microenvironment fibroblast proliferation is increased. In a three-dimensional 

environment, cells are not only in contact with the biomaterial but also with each 

other and the newly synthesized extracellular matrix, consequently inducing a 

better proliferation rate.  
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Figure 49. Porous DGL/PEG hydrogels (2/19 mM DGL/PEG) as a matrix to form 
dermal equivalents in vitro. A) Semi quantitative cell proliferation expressed as 
fibroblasts/mm2 determined by images analysis after 7, 14 and 21 days of cell culture. B) 
Representative images of cell proliferation over time, cell nucleus stained in blue and dotted 
lines delimit the surface of the hydrogel where the fibroblasts were seeded, and the 
maximal distance traveled (scale bar 200 µm). C) Stacked image (130 µm deep) of 
colonized hydrogel after 21 days of culture, cell nucleus in bright blue and cytoskeleton in 
red. Hydrogel can be distinguished by the combination of autofluorescence in blue and 
green (scale bar 100 µm). 
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After 21 days of culture, the 2 mm-thick porous hydrogels were 

homogeneously colonized by the fibroblast as shown by the representative image 

in Figure 50.A. Variability between different acquired fields (x10) within the same 

hydrogel slide and sections obtained at different depths of the hydrogel showed a 

normal population distribution (Figure 50.B) which indicates that most of the image 

section showed a mean of 350 cells/image. A bimodal distribution would suggest 

that, while sections of the hydrogel show a high density of fibroblast other sections 

are poorly colonized by the fibroblasts.  

 

Figure 50. Porous DGL/PEG hydrogels homogeneous colonization after 21 days 

of cell culture. A) Representative mosaic image of a complete slice of hydrogel colonized 
by dermal human fibroblasts after 21 days of cell culture. Dotted line delimits the hydrogel 
surface were cells were seeded (scale bar 1000 µm). B) Variability of the cell number 
observed at randomly acquired fields (x10) expressed as the relative frequency of cells per 
section (12 µm slides were obtained every 100 µm and randomly acquired fields within a 
same slide and between slides were analyzed by image analysis, at least 50 images)  

 

To determine the optimal cell seeding conditions to obtain a dermal 

equivalent, increasing cell seeding densities were evaluated. Interestingly, an 

increase in cell seeding number did not speed up the hydrogel colonization by the 

fibroblasts. For instance, a five-fold increase of seeded cells resulted in a loss of 

cell number during the first 7 days of culture, and a lack of proliferation after 14 

days. Cell proliferation was even reduced when the seeding density was increased 

by ten-folds, as shown in Figure 51. It is possible that increase in cell density only 

increased the cell number on the surface of the hydrogel, resulting in contact 

inhibition of proliferation before cells were capable of infiltrating the hydrogel. Also, 

an increase in cell number on the surface of the hydrogel could limit availability of 

nutrients, inducing cell death and explaining the decrease in fibroblasts/mm2, 

explaining the reduction of cell number after 14 days of culture. Similar 
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observations were reported by Brown et al. for collagen matrices where they 

showed that proliferation rate was seeding density-dependent [255].    

 

Figure 51.  Cell seeding optimization of porous DGL/PEG hydrogels (2 mM DGL 

and 19 mM PEG) as a matrix to form dermal equivalents in vitro. Obtained from 
images analysis nuclei counting (three hydrogels per condition).  

II.II. Synthesis of extracellular matrix  

The ability of the fibroblasts to synthesized ECM within the porous DGL/PEG 

hydrogel to form a dermal equivalent and subsequent skin equivalent were 

compared to those obtained with Col-GAG-Chi sponges. In both models, 21 days 

after cell seeding on the surface of the matrices, fibroblasts migrated and filled the 

pores with neosynthesized ECM,  thus forming a dermal equivalent (Figure 52.A). 

By subsequently seeding keratinocytes on the surface of the dermal equivalent, it 

was possible to obtain full-thickness skin equivalents, with both a dermal 

compartment and an epidermal layer. An increase in collagen expression was 

observed after 42 days, once the keratinocytes were added. However, scare 

evidence of elastin expression was observed in both skin equivalents (Figure 52.B). 

Besides its structural and mechanical contribution, the ECM provides anchoring 

sites for the cells and regulates intracellular communication to ensure a normal cell 

growth and differentiation [64]. While the synthetic DGL/PEG scaffolds can provide 

a proper mechanical support, the synthesis of ECM components is an important 

requisite to allow the native skin tissue formation in 3D. 
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Figure 52. Synthesis of the native extracellular matrix in dermal and skin 

equivalents. A) Immunostaining of type I collagen after 21- and 42-days of cell culture 
(scale bar 100 µm). B) Immunostaining of elastin after 42 days of cell culture of skin 
equivalents, arrows indicate the presence of elastin (scale bar 50 µm). 

 

 Moreover, fibrillar collagen in skin equivalents obtained with DGL/PEG 

hydrogels was evidenced by second-harmonic generation microscopy (Figure 53). 

Organized collagen fibers are known to provide skin with its mechanical properties 

and structural framework [65]. After 21 days of culture with only fibroblasts, no 

fibrillar collagen was visible indicating that collagen fibers formation occurred once 

dermal equivalents were cultured with keratinocytes. Similarly, Duplan-Perrat et 

al. showed with TEM images that collagen and elastin were more abundant and 

better organized in skin equivalent compared to matrices containing only 

fibroblasts and cultured for the same amount of time. They further demonstrated 

that keratinocytes are important in the maturation of the ECM [262].  
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Figure 53. Second-harmonic imaging microscopy of collagen fibers skin 
equivalents. After 42 days of cell culture with fibroblasts and keratinocytes in porous 
DGL/PEG hydrogels (scale bar 10 µm).  

II.III. Epidermal Stratification  

Keratinocytes seeded on top of the dermal equivalents were able to 

differentiate to from a stratified epidermis in vitro. However, the total epidermis 

thickness obtained with DGL/PEG hydrogels was lower than what was observed for 

Col-GAG-Chi skin equivalents (39.2 ± 2.6 µm and 47.25 ± 1.41 µm, respectively; 

Figure 54). The latter being closer to the epidermis thickness observed for human 

skin in vivo, which is around 40-50 µm [263]. 

 

Figure 54.  Epidermis thickness of skin equivalents. A) Hematoxylin & Eosin images 
of skin equivalents obtained with porous DGL/PEG hydrogel and Col-GAG-Chi (scale bar 
100 µm left and 50 µm right). B) Mean epidermis thickness measured from image analysis 
(three hydrogel per condition and two controls, t-student, *p<0.05).  
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Interestingly, as observed in Figure 55, DGL/PEG porous hydrogels were 

able to more closely mimic the structure of the papillary dermis formed by rete 

pegs and rete ridges along the dermal-epidermal junction [44], while the epidermis 

formed in Col-GAG-Chi sponges forms a uniform flat structure. 

 

 

Figure 55. Mosaic H&E image of skin equivalents. Yellow lines delimit the epidermal 
layer (scale bar 200 µm). 

 

To further characterize the formed epidermis, different markers of epidermal 

stratification and keratinocyte differentiation were evaluated. While proliferative 

cells are confined to the basal layer, daughter cells will steady migrate upwards 

and differentiate into subsequent epidermal layers. The presence of proliferative 

keratinocytes solely in this basal layer was demonstrated by the immunostaining 

of Ki67, a nuclear marker of cellular proliferation, as observed in Figure 56.A. 

Indeed, keratinocytes differentiation in the epidermis forms a well-organized 

multilayered structure. Keratinocyte terminal differentiation was evaluated as 

observed in Figure 56.B.  As expected, cytokeratin 10 (K10) was present in all 

layers but the stratum basale, while involucrin (Inv) was observed in the 

intermediary layers and keratin 14 (K14), a marker of early differentiation, was 
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present only in the stratum basale. However, the epidermal layers of the skin 

equivalent obtained with DGL/PEG hydrogels were less defined compared to Col-

GAG-Chi sponges and lacked the uppermost layer, the stratum corneum (SC). This 

can explain the difference in epidermis thickness of 8 µm observed between the 

porous DGL/PEG hydrogels and Col-GAG-Chi sponges. The SC could have been 

detached from the epidermis because of a less cohesive attachment or due to 

conditions that do not promote the formation of the SC. Of note, the air-liquid 

interphase period during culture was not performed in the most optimal conditions 

for the DGL/PEG hydrogels. During the air-lift interface protocol for Col-GAG-Chi 

sponges, samples are removed and placed over a gauze as observed in Figure 11 

(see page 48), while skin equivalent performed in DGL/PEG porous hydrogels were 

maintained in the inserts even after air-lift interphase. Even though the volume of 

medium was reduced to avoid contact with the epidermal component, the 

hydrogels absorb a high amount of liquid and it was therefore difficult to completely 

avoid humidity inside the culture inserts that contained the hydrogels. It has been 

stated that the air-liquid interphase and serum depletion are important for a 

suitable cell differentiation since it allows a higher expression of high-molecular 

weight keratins, indicators of a complete differentiation [127]. Both media 

composition and volume should be fine-tuned for each specific substrate type, 

thickness, and porosity. 

 

Figure 56. Epidermal stratification of skin equivalents. A) Immunostaining of 
proliferative cells in the basal membrane. Ki67 positive cell in green, cell nucleus in blue 
(scale bar 50 µm). B) Immunostaining of markers of keratinocyte differentiation; 
Cytokeratin 10 (K10), Involucrin (Inv) and Keratin 14 (K14) (scale bar 100 µm).  
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The epidermis layer is tightly bound to the underlying dermis layer via the 

basement membrane (BM) at the dermal-epidermal junction (DEJ) [43]. One key 

component of the BM is the laminin 332, which is essential for epidermal cell 

attachment [264]. As can be observed in Figure 57, laminin expression was greater 

in the first layers of the epidermis close to the DEJ. As expected, laminin was 

mainly observed in the epidermis since keratinocytes express and synthesize the 

majority of the basal membrane components [73]. However, laminin-332 is 

expected to be restricted to the DEJ and here it was observed in the whole viable 

epidermis, even with the Col-GAG-Chi model. It is possible that the specificity of 

the antibody was not adequate. A proper DEJ could also be evaluated by observing 

the expression of type VII collagen.  

 

 

Figure 57. Expression of laminin-332 in skin equivalents. Immunostaining of 
laminin-332 (also known as laminin-5) in red and cell nucleus counter stained with DAPI 
in blue (scale bar 50 µm).  
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Critical evaluation and conclusion 

The DGL/PEG hydrogel was able to promote dermal human fibroblasts 

infiltration by introducing interconnected pores within the hydrogel through the 

particle/leaching technique. The use of paraffin microspheres as porogens allowed 

to obtain a homogeneous porous structure. Optimal cellular infiltration was 

obtained with a mixture of 50-100 and 100-180 µm paraffin microspheres, 

probably due to a better interconnection between pores. Hydrogel mechanical 

properties could be modified in relation of the component’s concentration, allowing 

to target different tissue rigidities. Once the hydrogels were rendered porous their 

mechanical properties were decreased in comparison to the bulk material, 

acquiring a three-dimensional matrix which mimics the mechanical properties 

reported for skin’s indentation measurements in vivo [90,91]. After 21 days of 

culture, dermal human fibroblasts seeded on top of the porous hydrogels were able 

to infiltrate and homogeneously colonize the porous matrix. Moreover, once 

fibroblasts migrated within the hydrogel, they synthesized their own extracellular 

matrix since collagen synthesis was evidenced. Beside structure, native ECM is 

implicated in cell-ECM interaction regulating cell function and tissue formation 

[64]. Here, hydrogels can provide the main architecture while fibroblasts 

synthesized their own ECM components. Therefore, the resulting dermal 

equivalents composed of fibroblasts embedded in their own ECM within the 

hydrogel allowed the formation of a stratified epidermis with structure imitating 

the rete pegs and rete ridges observed in native skin. However, in comparison to 

a well-known model (Col-GAG-Chi) the layers of the epidermis were less defined 

and no evidence of a stratum corneum was observed. We hypothesized that 

difference between the models could be related not only to the material but to the 

cell culture process and a possible improper air-liquid interphase during the porous 

hydrogel culture. Of note, each protocol was performed with the same source of 

fibroblasts but in different laboratories following their specific handling procedures. 

However, a similar collagen synthesis was observed in both models, suggesting 

that keratinocytes seeded on top of the matrices are in contact with 

neosynthesized ECM in a similar manner. Overall, we have demonstrated the 

potential of the synthetic DGL/PEG hydrogel as a porous scaffold to promote tissue 

formation in three-dimensions. This system could further profit of biomimetic 

approaches by incorporating recombinant components inspired from the ECM.  
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Does the incorporation of an elastin-like polypeptide 

(ELP) improve the quality of the dermal equivalent by 

further mimicking the native ECM?     

In the previous section, the potential of the porous DGL/PEG hydrogel as a 

support to guide cell growth in three-dimensions and to produce a dermal 

equivalent was demonstrated. Fibroblasts colonized the synthetic matrix and were 

able to fill the pores with neosynthesized type I collagen, supporting the formation 

of an epidermal layer. Whereas collagen is produced in abundance in vitro, 

production of elastin in tissue-engineered constructs is scarce [80]. Both are main 

components of the ECM and play an important role in its structure providing either 

the skin’s tensile strength or elasticity [59]. Lack of elasticity has demonstrated to 

be a fundamental factor related to excessive scarring and wound contractions of 

skin engineered grafts, therefore, the introduction of the elasticity component with 

the use of native elastin derivatives, elastin-like peptides of synthetic elastomers 

has attracted great interest  [79]. Contrary to collagen, the procurement of elastin 

from natural sources for tissue engineering applications is highly challenging 

[80,146]. However, the structure of tropoelastin can be easily reproduced by 

recombinant techniques, allowing to obtain a synthetic but biomimetic polypeptide. 

Elastin-like polypeptides (ELPs), synthesized through recombinant techniques, 

provide a controllable and well-defined source of polymer-based oligopeptide with 

sequences that recur in tropoelastin for tissue-engineered applications [31]. 

Several groups have evaluated the incorporation of ELPs in dermal substitutes to 

provide elasticity and to promote biological activity in a similar manner to native 

tropoelastin [31,265,266]. In this context, the incorporation of an ‘in-house’ ELP 

developed in our laboratory in the DGL/PEG hydrogels and the resulting dermal 

equivalents were evaluated. First, the interaction of ELP with the polymeric 

network and its contribution to the material properties were assessed. Moreover, 

biological activity of ELP was observed in two- and three-dimensions to determine 

if the sequences contained in the ELP and able to interact with the two major 

receptors of the native tropoelastin (EBP and αvβ3) are still available and have an 

effect when incorporated into the hydrogel. The association of the elastin 

component of the ECM to the synthetic matrix could improve the dermal 

equivalents and increase its potential for tissue engineering applications.  
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I. Hydrogel characterization  

When incorporating the ELP to the hydrogel mixture, no apparent changes 

in crosslinking were observed. Self-standing hydrogels were swiftly obtained in a 

similar manner to hydrogels without the addition of ELP.  

I.I. Mechanical and wetting properties 

When crosslinked with genipin, ELP shows a highly elastic behavior, with a 

Young’s modulus between 1.4-1.5 MPa [32]. Its incorporation to the hydrogel could 

then grant further elasticity properties to the DGL/PEG hydrogels. In order to 

assess the contribution of the ELP to the mechanical properties, two techniques 

were used. When the hydrogels were measured by micro indentation, an increase 

of the complex modulus with 3.75 mg/ml of ELP was observed (Figure 58.A). 

However, this effect was not concentration-dependent since no significant 

difference was observed when the ELP concentration was doubled.   

On the contrary, hydrogels measured with dynamic mechanical analysis 

showed a slight decrease of the complex modulus in presence of ELP, albeit not 

significantly (Figure 58.B). While contradictory results were obtained concerning 

the effect of the ELP on mechanical properties, the complex modulus of hydrogels 

without ELP was in the same order of magnitude for micro-indentation and DMA: 

58.9 ± 3.3 and 41.5 ± 5.0 kPa respectively. 

 

Figure 58. Effect of the ELP on the mechanical properties of the hydrogel (2 mM 

DGL/ 19 mM PEG). A) Micro-indentation tests performed with an original light load 
indentation device as reported in [104], in collaboration with the Ecole Centrale de Lyon. 
Indentation test was performed under normal load of 4 mN using a spherical steel probe 
of radius curvature r=1.59 mm and at a velocity of 20 µm/s (at least eight hydrogels per 
condition, One-Way ANOVA, Dunnett’s multiple comparison test *p<0.05 compared to 
hydrogel w/o ELP). B) Dynamical Mechanical Analysis (DMA 242 E Artemis, NEZSTCH) by 
compression mode at room temperature under PBS immersion with a 10% strain and 60 
µm of amplitude (five hydrogels per condition, t-student). 
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The discrepancies observed between the two different measurement 

techniques can be probably related to their respective parameters. For instance, 

DMA measurements were performed in immersion, the hydrogels being then in a 

complete swollen state. Contrarily, micro-indentation tests were performed in air 

and the samples were therefore subjected to a greater adhesion phenomenon of 

the indentation probe and to evaporation during the measurement. Indeed, 

adhesion forces recorded during the indentation procedure clearly showed a higher 

negative pull-off adhesion recorded when the indenter was being retracted from 

the surface of ELP-containing hydrogels (Figure 59). Hydrogel with ELP therefore 

showed greater adhesion forces than hydrogels without ELP. 

 

 

Figure 59. Comparison between representative curves obtained by micro 

indentation. A) Representative curve of hydrogel 2 mM DGL and 19 mM PEG without ELP. 
B) Representative curve of hydrogel 2 mM DGL and 19 mM PEG with 3.75 mg/ml ELP. 4mN 
of normal load were applied at a constant speed of 20 µm/s with spherical indenter r=1.6 
mm.  

 

The modification on the hydrogel surface properties in the presence of ELP 

was as well indicated by contact angle measurement. The ELP-containing 

hydrogels contact angle and hydrophobicity was slightly increased in a 

concentration manner, as observed in Figure 60. This is in good agreement with 

the physico-chemical properties of the ELP, as it is mainly composed of 

hydrophobic domains in a similar manner to native human tropoelastin [32]. Hui 

et al. stated that surface tension of materials such as gels could provide a 

resistance to deformation by indentation forces [267]. The increase in the 

hydrophobicity could therefore be related to the increase in adhesion forces 

observed in the micro-indentation measurements.  
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Figure 60. Contact angle at the surface of hydrogel coated coverslips with 
increasing concentrations of ELP measured by gionometry. Image analysis 
performed with Imagej plugging “LB-ADSA” (at least three hydrogels per condition, One-
Way ANOVA). 

 

Overall, the incorporation of ELP in the DGL/PEG hydrogels did not provide 

a significant and clear effect on the resulting mechanical properties of the matrices. 

However, the presence of the ELP was reflected in the modification of the 

hydrogel’s hydrophobicity. The lack of mechanical effect of the ELP suggests that 

the recombinant protein might not be integrated in the hydrogel polymer mesh. 

To assess this hypothesis, nuclear magnetic resonance (NMR) studies were 

performed. 

I.II. ELP interaction with the polymeric network 

NMR is a highly sensitive method that provides detailed information of the 

structure and chemical environment of molecules. When placed in a powerful 

magnetic field it is possible to measure the interactions of the nuclear spin of atoms 

such as 13C and 1H. Since the chemical shift of a nuclei is determined by the 

electron density surrounding it, if a new covalent bond is formed the electron 

density surrounding a specific nucleus will change, leading to a chemical shift 

perturbation [236]. Therefore, this technique allows to determine if the ELP is 

incorporated into the polymeric network through a covalent bond. NMR was 

recorded using insensitive nuclei enhanced by polarization transfer (INEPT) spectra 

as this type of transfer allows to enhance the signal resolution, increase 13C 

sensibility and provide excellent selectivity [237]. 
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Figure 61. NMR spectrum of free 13C-15N ELP and hydrogel with and without 13C-
15N ELP. A) Overlay of INEPT spectra of DGL/PEG hydrogel without 13C-15N-ELP (in grey) 
and of hydrogel with 13C-15N-ELP (1.75mg) (in orange). The hydrogel is observed in natural 
abundance, and the NMR resonances corresponding to DGL and PEG are circled. B) Overlay 
of INEPT spectra of free 13C-15N-ELR (20 mg) (in blue) and in presence of hydrogel (in 
orange). Results obtained in collaboration with the group of Protein Solid State NMR, UMR 
5086, MMSB.  

 



140 

 

The comparison of both hydrogel spectra with and without ELP allowed to 

identify the resonances coming from the DGL and PEG molecules (Figure 61.A). No 

changes in chemical shift were observed when the hydrogel was in presence of 

ELP, suggesting no intermolecular interactions. This was further confirmed by the 

perfect overlay of the spectrum of the free ELP with the spectrum of hydrogel with 

ELP (Figure 61.B), which means that there were no chemical shift perturbations 

induced in the ELP when incorporated into the hydrogel, and therefore that there 

is no covalent binding between the protein and the polymeric network of the 

hydrogel. In addition, the intensity of signals in INEPT spectra indicate that the 

free ELP is highly flexible, and that it remains highly flexible when incorporated 

into the hydrogel. In vivo, within the crosslinked structures of mature elastin, the 

tropoelastin moieties are quite flexible and show an elastic behavior [80].  

I.III. Preliminary assessment of ELP embedding  

NMR analysis demonstrated that the ELP is not bound to the polymeric 

network though a covalent bond. To determine if the ELP stayed embedded in the 

hydrogel after crosslinking, hydrogels with or without ELP were submerged in PBS 

for 24 hours at 37°C and the presence of ELP in the supernatant was observed by 

western blot. While ELP was detected at around 55 kDa for the control solutions, 

the lack of detection bands when ELP was incorporated into the hydrogel suggests 

that ELP remains embedded in the hydrogel after its crosslinking (Figure 62).   

 

 

Figure 62. Western blot detection of ELP released after 24 hours incubation in 

PBS at 37°C. Hydrogel composition 2 mM DGL and 19 mM PEG with or without ELP (3.75 
and 6 mg/ml). For controls the same quantity of ELP was incubated in PBS at 37°C without 
hydrogel.  
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II. Effect of ELP on the behavior of dermal human fibroblasts 

in two-dimensions  

Although the ELP does not appear to be integrated in the hydrogel polymer 

network covalently, its integration in the hydrogel bulk still induces modification of 

its hydrophobicity. Combined with the presence of cell-interacting motifs in its 

primary sequence via αvβ3 integrin and EBP, the presence of ELP could modify the 

way the hydrogel interacts with cells. To assess this, the effect on cell behavior 

when the ELP is incorporated in the hydrogel was first assessed in two-dimensions. 

by seeding. The effect of ELP on cell adhesion, morphology, proliferation and 

migration of fibroblasts seeded on top of dense hydrogels prepared directly in 

tissue culture plate or on top of coverslips was evaluated.  

II.I. Effect of ELP on cell adhesion, morphology and proliferation 

Cell activity of fibroblasts seeded on top of dense hydrogels was measured 

after 24 hours with alamar blue. As observed in Figure 63.A, fluorescence signal 

was increased when ELP was incorporated into the hydrogels, indicating a greater 

amount of metabolically active cells on the surface of hydrogels with ELP. This 

could suggest that a greater number of cells were able to adhere to the surface of 

hydrogels with ELP. A similar effect was observed by phase-contrast microscopy 

(Figure 63.B), cell number was increased 1.3-folds and 1.2-folds 24 hours post-

seeding with 3.75 mg/ml and 6 mg/ml of ELP, respectively. Concomitantly, cells 

seeded onto hydrogels with ELP showed a higher spreading area, with a more 

spindle shaped morphology since circularity was decreased and Feret diameter 

increased in comparison to hydrogels without ELP (Figure 63.C). However, no 

further differences were observed with an increase of the ELP concentration. The 

effect of the ELP appears to be noticeable only at early time points, suggesting an 

effect in the early adhesion of fibroblasts to the surface of the hydrogels. This effect 

could be related to an increase of anchoring sites for the cells linked to the presence 

of ELP, which do not impact cell morphology at longer culture time points. Two of 

the bioactive domain of the native tropoelastin are present in the ELP, the C-

terminal GRKRK and the hydrophobic repeated unity VGVAPG [32]. These 

sequences are known to interact with αvβ3 integrin  and the EBP, respectively [73]. 

Previous studies in our group showed that plastic-coated surfaces with this ELP 
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increased fibroblast adherence and that this effect was related to the contribution 

of the motifs VGVAPG and GRKRK of the ELP. When inhibitors for either αvβ3 

integrin and EBP were added, cell adhesion was decreased a 50% and 78%, 

respectively [32]. It is therefore likely that some molecules of the ELP are available 

at the surface of the hydrogels, enhancing cell adhesion. 

 

Figure 63. Dermal human fibroblast adhesion and morphology when cultured on 

the surface of hydrogels (2 mM DGL and 19 mM PEG) with different 
concentrations of ELP (0, 3.75 and 6 mg/ml). A) Fluorescence signal obtained from 
metabolic assay, alamar blue, after 24 hours of cell seeding on hydrogels prepared directly 
in cell plate. (four hydrogels per condition, one-way ANOVA, Dunnett's multiple 
comparisons test *p<0.05 compared to hydrogel w/o ELP). B) Phase contrast images after 
24 hours and 72 hours of cell seeding, cell number was counted of ten randomly acquired 
images per sample of at least five hydrogels per condition (scale bar 100 µm). C) 
Morphology parameters obtained from images analysis of phase contrast photos: spreading 
area per cell, circularity and ferret diameter (four hydrogels per condition, one-way ANOVA, 
p<0.05, * compared to plastic control at 24 hours).  

 

Since Tajima et al. demonstrated that the same motif implicated in cell 

adhesion (VGVAPG) was able to stimulate fibroblast proliferation [33], the effect 

of ELP when incorporated into the hydrogel on cell proliferation was evaluated by 

measuring the percentage of proliferative cells (ki67 positive cells). As observed in 

Figure 64.B, a slight increase in the number of proliferative cells could be observed 

when ELP was incorporated to the hydrogels, albeit not significantly. It is important 
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to mention that while cells seeded in plastic controls could be easily distinguished 

during images analysis, hydrogel autofluorescence rendered the determination of 

Ki67 and nucleus staining co-localization a difficult and unreliable task.   

 

Figure 64. Effect of the ELP on cellular proliferation of fibroblasts seeded on top 

of hydrogels with or without ELP. A) Representative image of immunofluorescence of 
Ki67 in green and nuclei counter-staining with DAPI in blue of cell seeded in plastic controls. 
B) Percentage of ki67 positive cell after 3 days of seeding fibroblasts on top of hydrogels 
with or without ELP (one-way ANOVA, at least three hydrogels per conditions).  

II.II. Effect of ELP on human dermal fibroblasts migration 

Aside from adhesion and proliferation, an increase in anchoring sites on the 

hydrogels could also be reflected on cell migration. Therefore, the movement of 

fibroblasts seeded on top of hydrogels without or with ELP was followed for 16 

hours by time-lapse microscopy. As observed in Figure 65.A, fibroblasts seeded on 

hydrogels with 3.75 mg/ml of ELP traveled longer distances in comparison to cells 

seeded on ELP-free hydrogels. Mean cell migration, expressed as the slope of the 

accumulated distance traveled by fibroblasts, was statistically increased in the 

presence of ELP (Figure 65.B).  

 

Figure 65. Dermal fibroblast migration followed by a 16-hour time-lapse.  

A) Representative image of accumulated distance travel by cell seeded on top hydrogels 
(2 mM DGL/19 mM PEG) without or with ELP (3.75 mg/ml). B) Migration expressed as the 
mean slope of the accumulated distance of at least 5 cells per hydrogel (four hydrogels per 
condition, t-student *p<0.05). 
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III. Effect of the ELP on the behavior of dermal human 

fibroblasts in three-dimensions as dermal equivalents  

Reports on elastin expression in full-thickness models are scarce. However, 

elastin plays a fundamental role in the ECM, by providing the skin with its elasticity 

and promoting several biological activities. The incorporation of elastin or elastin-

based peptides into scaffolds to mimic the natural elasticity of the skin is an 

attractive alternative to avoid contraction and fibrosis [79]. While the ELP use in 

this study has elastic properties by itself, once incorporated into the DGL/PEG 

hydrogel it did not have a significant impact on the mechanical properties of the 

hydrogel. However, the biological activities observed in two-dimensions could 

nevertheless have a positive impact on the dermal equivalents obtained. 

Therefore, the effect of ELP in 3D porous hydrogels to obtain dermal equivalents 

was evaluated.  

III.I. Matrix contraction  

A common setback of collagen matrices is fibroblast-mediated contraction 

[148]. To evaluate the resistance of our scaffolds against fibroblasts-mediated 

contraction and the impact of the ELP in this contraction, fibroblasts were seeded 

on the surface of porous DGL/PEG hydrogels (±ELP) and on collagen gels as 

positive controls, and the percentage of contraction over culture time was 

measured. The original area considered as 100% was measured immediately after 

cell seeding. Unlike collagen gels, in which fibroblasts caused an important 

contraction, colonized DGL/PEG hydrogels with or without ELP showed significantly 

less shrinkage after only 2 days of culture (Figure 66). Although no difference could 

be measured between hydrogel compositions, the lack of contraction in the 

DGL/PEG porous structures is noteworthy. Indeed, contraction of collagen gels is 

swift (in the first 12 hours) and characterized by an exponential rate until reaching 

a constant value [29]. As a result, contraction can reduce the efficacy and grafting 

potential of a scaffold and may result in severe wound contraction, tissue 

immobility, loss of function and fibrosis in vivo. Minimizing contraction, limits the  

possibilities of scar formation after healing [148]. Moreover contraction in vitro, 

impedes the standardization of full-thickness models, limiting their use as reliable 

tools for toxicity studies [13]. 
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Figure 66. In vitro contraction percentage of porous hydrogels. Photographs were 
taken right after cell seeding and on days 2, 4, 6 and 9. Percentage of contraction is 
expressed as the area of any given time compared to the area immediately after seeding 
(t0). Collagen gels (2.5mg/ml) were used as contraction controls, fibroblasts were seeded 
in the surface of collagen similarly to DGL/PEG hydrogels (composition 2 mM DGL and 19  
mM PEG) with or without ELP (3.75 mg/ml) (two-way ANOVA, *p<0.05, four gels for each 
condition). 

III.II. Effect of ELP in cell density and cellular infiltration  

Interestingly, fibroblasts seeded on the surface of porous DGL/PEG hydrogel 

with ELP were able to infiltrate further into the porous matrix. After 14 days of 

culture, we could observe a mild improvement of fibroblast colonization in the 

presence of 6 mg/ml of ELP, while no difference was observed at lower ELP 

concentration (Figure 67). Contrarily to cell migration in two-dimensions, greater 

amounts of ELP were necessary to observe an increase in three-dimensions. Since 

surface area in porous hydrogels is increased compared to dense hydrogels, it is 

possible that some ELP is more easily lost during the production process. The 

release profile of the ELP in the porous hydrogel could clarify the discrepancy of 

biological effects observed.  

 

Figure 67. Hematoxylin and Eosin staining of porous hydrogels after 14 days of 
cell culture. Infiltration of fibroblasts seeded in the surface of porous hydrogels 
(composition 2/19 mM DGL/PEG) with increasing concentrations of ELP (3.75 and 6 
mg/ml). Yellow line marks maximal distance traveled by human dermal fibroblasts (scale 
bar 100 µm). 
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After 21 days of culture, cell infiltration and cell density in fibroblast-

colonized porous hydrogels with or without 6 mg/ml ELP were evaluated. While the 

effect of ELP incorporation in the hydrogels on cellular proliferation was unclear in 

two-dimensions, a strong effect on cellular proliferation was visible in a three-

dimensional porous environment. As presented in Figure 68.B, cell density in 

porous hydrogels with ELP was increased up to 137% (770.1 ± 38.12 

fibroblasts/mm2 compared to 351.1 ± 59.8 fibroblasts/mm2). Although Miller et al. 

estimated that cell density of normal human dermis is comprised between 2000 

and 4000 cells/mm3 [268], we could not infer a volumetric value for our system, 

due to the limitations of image analysis of the hydrogels cross sections. Another 

potential technique to measure cell density in the scaffolds could have been to 

measure DNA content after cell culture. However, DGL strongly binds with nucleic 

acids through electrostatic interactions, producing inaccurate quantitative results 

(see Annexes page 177 for more information). 

Furthermore, as shown in Figure 68.A, after 21 days of cell culture, 

fibroblasts in hydrogels with ELP (6 mg/ml) were able to reach further inside the 

porous structure: median distance of 314.2 ± 36.11 µm, twice more than 

fibroblasts in hydrogels without ELP (Figure 68.C). The maximal distance attained 

by the fibroblasts was 1062 ± 36.9 µm, as compared to 745.7± 163.2 µm for the 

hydrogels without ELP. In comparison, when seeded on top of collagen matrices, 

fibroblasts have shown to migrate up to 400 µm since cells need to remodel the 

collagen network to migrate [269,270].  

These results demonstrate that the presence of ELP promotes cellular 

colonization of the porous scaffold. The sequences of the ELP that interact with 

fibroblasts αvβ3 integrin or the EBP might be accessible along the large porous 

surface area. However, it is not possible to distinguish between the contribution 

on cell migration, adhesion or/and proliferation. In a similar manner to fibroblasts 

seeded in two-dimensions, ELP showed a positive impact in cell migration observed 

by the distance travelled by fibroblasts. Nevertheless, an increase in cell density 

also suggests an increase in cell proliferation. While not statistically, a slight 

increase in cell proliferation was observed in two-dimensions when 6 mg/ml of ELP 

was introduced to the hydrogel. However, the increase in cell density could also be 

related to an increase in cell adhesion at early time points in cell culture. In this 

case, if an increase in migration did not play a role in cell colonization, we would 

observe only an increase in cell number in the surface of the hydrogels and not 
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necessary throughout the hydrogel. To identify the contribution of cell adhesion, 

migration or proliferation in the porous hydrogel colonization more clearly it would 

be interesting to follow cellular infiltration through time.  

 
Figure 68. Cell density and infiltration after 21 days of cell culture in porous 
hydrogels (2/19 mM DGL/PEG) with or without ELP (6 mg/ml). A) Representative 
images of hydrogel cross sections used for quantification. Cells nuclei are stained with DAPI 
(blue), white lines denote the upper and lower surfaces of the hydrogels and arrows stand 
for the total depth of the hydrogel and the maximal distance traveled by the fibroblasts. 
B) Cell density obtained from image analysis, by counting cell nuclei in several slides of at 
least three slides per hydrogel and three hydrogels per condition. B) Median distance 
traveled by human dermal fibroblasts after being seeded on the surface of the hydrogel 
obtained by image analysis (three hydrogels per condition, t-student, *p< 0.05).  

III.III. Effect of the ELP on the synthesis of the extracellular matrix in 

dermal equivalents  

In the context of improving the dermal equivalents obtained with the porous 

DGL/PEG hydrogels, the synthesis of different ECM components by fibroblasts 

seeded on the porous hydrogels with or without ELP was evaluated by 

immunohistochemical staining (IHC) and gene expression.  

As observed in Figure 69.A, a greater expression of type I collagen was 

observed when fibroblasts were seeded and cultured for 21 days in porous 

hydrogels with ELP. However, when fluorescence intensity was normalized to the 

number of cells in each image, no significant difference was observed between 

both conditions (Figure 69.B). Similarly, no significant difference was observed 
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when comparing the type I collagen gene expression after 21 days of cell culture 

(Figure 69.C).  

 

Figure 69. Synthesis of type I collagen by fibroblasts seeded in porous hydrogels 

(2/19 mM DGL/PEG) with or without ELP (6 mg/ml) after 21 days of culture. 

 A) Representative image of IHC detection of type I collagen (red) with 
immunofluorescence and cells nuclei with DAPI counterstaining (blue). B) Type I collagen 
intensity obtained from image analysis of immunofluorescence images normalized by the 
total number of cells per image (three hydrogels per condition, t-student). C) Type I 
collagen gene expression after 21 days of culture obtained from qPCR (normalized to RL13A 
gene expression, t-student, *p<0.05, three hydrogels per condition). D) IHC detection of 
type I collagen using brown precipitating HRP substrate DAB. Yellow lines denote the range 
of collagen type I staining (scale bar 100 µm) E) Percentage of collagen infiltration in 
relation to the total hydrogel thickness, obtained by image analysis of IHC (three hydrogels 
per condition, t-student, *p<0.05). 
 

While collagen synthesis was not increased, we did observed a greater 

quantity of type I collagen deposited and a deeper presence of type I collagen 

inside the hydrogel with ELP (Figure 69.D). Collagen could be found at a 63.2 ± 

2.1 % of the hydrogel thickness compared to 28.4 ± 3.7 % in hydrogels without 

ELP (Figure 69.E). This result is in good agreement with the cellular infiltration 

shown previously and possibly indicates that cellular infiltration occurred at early 

time points, allowing the fibroblasts that had migrated deeper into the hydrogel to 

synthesize collagen.  

While the amount of collagen produced by the cultured cells in vitro is 

abundant, the amount of elastin is limited [76]. Elastin-based scaffolds have 

demonstrated an elastogenic potential by stimulating elastin synthesis [80]. 

However, few granular and randomly scattered staining of elastin were observed 
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in both porous systems, with no visual enhancement when ELP is present in the 

hydrogel (Figure 70.A). Similarly, no statistical difference was observed for elastin 

gene expression (Figure 70.B). This is disappointing, as Tajima et al. demonstrated 

that the peptide VGVAPG not only stimulates fibroblasts proliferation, but also has 

an effect on elastin expression [33]. Since the elastin synthesis is scarce, the effect 

of the ELP might not be noticeable. Nevertheless, the low expression of elastin in 

the DGL/PEG porous hydrogels is of interest in the context of skin equivalents 

production. Expression of elastin in skin equivalents is nearly exclusive of skin 

models cultured with collagen-chitosan-glycosaminoglycan matrix, and the 

formation of fibers is then solely visible after co-culture with keratinocytes in air-

lift [126,271]. In a similar manner, Mewes et al. was able to observe the gene 

expression of elastin only after keratinocytes were seeded on top of the collagen 

dermal equivalent [271]. An improvement of elastin synthesis with ELP could be 

better evidenced once keratinocytes were seeded on the dermal equivalents.   

 

Figure 70. Synthesis of elastin by fibroblasts seeded on porous hydrogels (2/19 

mM DGL/PEG) with or without ELP (6 mg/ml), after 21 days of culture. A) IHC 
detection of elastin using brown precipitating HRP substrate DAB (scale bar 100 µm) and 
magnification of the images to allow better observation. Arrows indicate elastin staining. 
B) Elastin gene expression after 21 days of culture obtained from qPCR normalized to 
RL13A gene expression (three hydrogels per condition, t-student, *p<0.05).  

 

A third important and abundant component of the skin ECM that plays a 

critical role in matrix organization and stability specially during wound healing is 

fibronectin [65]. Also, in vitro studies revealed that fibronectin is required for the 

deposition of type I collagen and other structural proteins [65]. As observed in 

Figure 71.A, fibronectin was expressed in greater abundance after 21 days of 

culture in the upper part of the dermal equivalent, which corresponds to its 

physiological location. In skin, fibronectin is principally found in the dermo-
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epidermal junction and papillary dermis, where it has an important role in 

keratinocytes attachment to the dermal compartment [148]. IHC images suggest 

that a greater quantity of fibronectin was present in the ELP-containing hydrogels. 

However, when the signal intensity was normalized to the number of cells, a 

significant increase in fibronectin synthesis was measured for hydrogels without 

ELP (Figure 71.B). Lorion et al. demonstrated that DGL induces α5β1 integrin in 

fibroblasts [27]. This integrin is known to bound to fibronectin with a positive 

feedback loop for fibronectin assembly [272]. Indeed, the presence of DGL may 

indirectly induce fibronectin expression. However, surprisingly no correlated 

difference in fibronectin gene expression could be detected (Figure 71.C). During 

tissue remodeling fibronectin and fibrin are the first proteins produced by the 

fibroblasts to remodel the extracellular matrix [273]. For instance, Bouvard et al. 

detected fibronectin in dermal equivalents as early as 4 days [274].  It is therefore 

possible that the increase in fibronectin synthesis occurred at earlier time points 

and that fibronectin gene expression was normalized after 21 days. 

 

Figure 71. Synthesis of fibronectin by fibroblasts seeded on porous hydrogels 

(2/19 mM DGL/PEG) with or without ELP (6 mg/ml) after 21 days of culture. 

 A) IHC detection of fibronectin (red) by fluorescence detection and cells nuclei by DAPI 
counterstaining (blue). B) Fibronectin intensity obtained from image analysis of IHC images 
normalized by the number of cells (three hydrogels per condition, t-student *p<0.05). C) 
Fibronectin gene expression after 21 days of culture obtained from qPCR normalized to 
RL13A gene expression (three hydrogels per condition, t-student). 
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III.IV. Mechanical evolution of dermal equivalents over time  

The contribution of the neosynthesized ECM to the mechanical properties of 

the dermal equivalents was measured by dynamic mechanical analysis (DMA), 

comparing  the mechanical behavior of colonized-hydrogels after 15 and 22 days 

of culture  to acellular matrices at 10 Hz, in the physiological frequency range 

[103]. As depicted in Figure 72.A, the complex modulus increased in a time 

dependent manner, hydrogel rigidity was increased from 17.0±3.1 to 56.5±6.5 for 

hydrogel without ELP and from 18.9±3.3 kPa 49.7±6.3 kPa for hydrogel with ELP 

after 22 days of cell culture. This increase was due only to an increase of the 

storage modulus (Figure 72.B), while the loss modulus was maintained constant 

even after 22 days of cell culture. The fibroblasts might therefore introduce an 

elastic component to the mechanical behavior of the materials by migrating into 

the porous structure and by filling the pores with neosynthesized ECM.  Likewise, 

Rolin et al showed an increase in rigidity of 22% between dermal equivalents 

obtained with acellular 3D polyester matrices [259] while Pailler-Mattei et al. 

observed a significant effect on the rheological behavior of dermal equivalents 

compared to collagen-glycosaminoglycan-chitosan scaffolds alone, the cellular 

component increased by 2-folds the mechanical properties [233]. In the case of 

the DGL/PEG porous hydrogels mechanical properties were increased around 3-

fold after 22 days in comparison to the acellular matrix.  
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Figure 72. Mechanical evolution of colonized hydrogels obtained by dynamic 

mechanical analysis with a penetration probe (3 mm). Measurements were 
performed at 37°C under immersion in DMEM-F12 medium with a 10% strain, 60 µm of 
amplitude at 10 Hz. Acellular hydrogels (0 days) were measured in the same conditions 
before sterilization and cell seeding. A) Complex modulus, B) Storage modulus and C) Loss 
modulus (at least three hydrogels per condition, two-Way ANOVA Turkey’s comparison test 
*p<0.05). 

III.V. Dynamical remodeling of the neosynthesized extracellular matrix 

In the course of wound healing, fibroblasts produce matrix 

metalloproteinases (MMPs) to control the remodeling of the newly formed 

granulation tissue [19]. More specifically, MMP-2 is able to degrade different types 

of collagens, gelatin, elastin, fibronectin, vitronectin, to name a few proteins [275]. 

The activity of gelatinases A and B secreted by dermal fibroblasts seeded on porous 

DGL/PEG hydrogels with or without ELP was observed by zymography of serum-

free culture medium. Bands at 72 and 66kDa of gelatinase A were detected, 

corresponding respectively to pro MMP-2 and activate MMP-2 (Figure 73.A). No 
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bands at 92 and 88kDa, corresponding to gelatinase B (MMP-9) forms, were 

observed except for the HT1080 (human fibrosarcoma cell line) conditioned 

medium used as control. Contrary to primary cell lines, cancerous fibroblasts are 

able to produce MMP-9 besides MMP-2. As can be observed in Figure 73.B, a great 

majority of the pro-peptides synthesized by the fibroblast in the DGL/PEG porous 

hydrogels remained inactive. No significant difference was observed between 

conditions with or without ELP. In a similar fashion, no bands corresponding to 

gelatinase B were observed when fibroblasts were seeded on collagen lattices, 

however, the ratio of activated and pro-form MMP-2 was greater than one 

[270,276]. Scott et al. showed that MMPs pay an important role in fibroblast-

mediated contraction of collagen lattices. When fibroblasts are seeded on top of 

collagen matrices, instead of embedded into them, collagen hydrolysis is necessary 

for cells to penetrate the network, which results in the activity of collagenase 1 

(MMP-1) and gelatinase A (MMP-2) [270]. In our case, fibroblasts seeded on top 

of porous hydrogels do not need to degrade the matrix to penetrate into the porous 

structure, which is neither subjected to contraction forces. 

Elastin peptides have been reported to have a role in MMP-2 stimulation in 

tumor invasion and metastasis [277,278], which Toupance et al. suggested is not 

mediated by EBP nor αvβ3 integrin but rather by a fourth receptor poorly described 

which binds to peptides AGVPGFGAG and AGVPGLGAG of tropoelastin [279]. 

Landeau et al. reported an enhancement in MMP-2 secretion when culturing 

fibroblasts with soluble elastin (k-elastin) [280]. However, the ELP incorporated 

into the porous hydrogels only possess the sequences VGVAPG and GRKRK that 

interact with the EBP and integrin αvβ3 [32], which could explain why no difference 

was observed in the hydrogels with ELP.  
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Figure 73. Activity of gelatinase A (MMP-2) by fibroblasts seeded on top of porous 
DGL/PEG hydrogels (2/19 mM DGL/PEG) with or without ELP (6 mg/ml) 

observed by zymography of culture medium after 20 days of cell culture.  

A) Gelatinase activity expressed as band density (Representative results of one gel) SDS-
PAGE 0.1% gelatin p/v gel, as control conditioned medium obtained from HT1080 cells was 
used to observe the activity of gelatinases. B) Ratio of active and pro MMP2 of three 
separate experiments (four hydrogel per experiment, t-student). 
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Critical evaluation and conclusion 

Contrary to what was expected, the contribution of ELP to the mechanical 

behavior was not clear. Young’s modulus was not significantly increased with the 

incorporation of the ELP, probably due to a lack of covalent bonds between the 

polymeric network and the ELP. In contrast, when crosslinked with genipin, ELP 

shows an interesting elastic behavior [32]. If the ELP does not participate in the 

reticulation process, it stays however embedded in the polymer network. It is 

possible that the relative empty intramolecular cavity of the DGL could work as a 

carrier for the ELP, bestowing further biological properties to the hydrogel without 

modifying its tailorable properties. This biological activity showed a clear effect in 

the cell response to the biomaterial. When fibroblasts were seeded in the surface 

of dense hydrogels, a significant increase in cell adhesion and migration was 

observed suggesting that the active sequences of the ELP (GRKRK and VGVAPG) 

are available in the surface of the hydrogel. This was further illustrated when 

fibroblasts were seeded on top of porous hydrogels, since cellular infiltration was 

increased within the hydrogel with a consequent increase in cell density. This could 

also indicate an increase in proliferation, since release of the motif VGVAPG from 

the porous hydrogels could stimulate fibroblasts proliferation [33].  

IHC images suggest and increase in ECM synthesis, however, the effect of 

the ELP is unclear as no significant difference was observed in gene expression. 

The increase in ECM synthesis could just be related to an increase in cell density. 

However, the increase in cell density and ECM components were not sufficient to 

elicit a difference in the overall mechanical properties of the colonized hydrogel. 

Indeed, both conditions showed a similar mechanical evolution and resistance to 

fibroblast-mediated matrix contraction. While the effect of elastin peptides on 

collagen and fibronectin has not been reported, they have demonstrated an 

elastogenic potential [80]. However, no difference was observed in elastin 

synthesis in the dermal equivalents, which could be related to the absence of an 

epidermal layer. Keratinocytes have demonstrated to be key participants of the 

maturation and organization of the elastin network in skin equivalents. Since 

keratinocytes have an influence on maturation and organization of elastin network 

[262], to clearly observe the influence of ELP in elastin synthesis, samples should 

be analysed after the incorporation of the epidermal component. Moreover, the 

incorporation of ELP could improve the formation of the epidermal layer of full-
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thickness skin equivalents, as Fujimoto et al., demonstrated that elastin peptide 

VGVAPG induced migration and terminal differentiation of culture keratinocytes via 

elastin-binding receptors [281]. In addition, the slight increase in ECM components 

observed in the hydrogels with ELP in the dermal equivalent could promote 

keratinocytes adhesion to the DEJ resulting in a more stable skin equivalent.  
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Do DGL/PEG scaffolds exhibit a good biocompatibility in 

vivo?  

A combination of mechanical functionality, biological activity, and 

biocompatibility of tissue engineering scaffold is of great importance for the 

translation of biomaterials into clinical applications. The mechanical properties and 

ability to promote cell adhesion and proliferation of the DGL/PEG hydrogels has 

been previously described. To further judge the sustainability of the hydrogels for 

tissue regeneration applications, the in vivo biocompatibility and possible 

biodegradation of DGL/PEG hydrogels in physiological condition were investigated. 

In regenerative medicine applications, a proper rate between the formation of new 

tissue and hydrogel degradation should be acquired [171]. Moreover, the 

vascularization of a dermal compartment is of great importance for the survival of 

the epidermal layer, since nutrition at the wound bed of the epidermis its solely 

dependent of a well vascularized dermis [61]. In this context, the potential of 

neovascularization within the hydrogel was also evaluated.  

I. In vivo biocompatibility of dense DGL/PEG hydrogel 

As could be expected from PEG-based materials [282], no intense immune 

reaction was observed upon implantation of the DGL/PEG hydrogels under the back 

skin of mice for three weeks. Consequently, neither the presence of DGL nor ELP 

seemed to induce a specific inflammatory reaction as observed in Figure 74. All 

hydrogels exhibited a mild foreign body reaction with the formation of a fibrous 

capsule of 60.1 ± 2.3 µm and 67.9 ± 15.27 µm for hydrogels without or with ELP, 

respectively. While slight signs of hydrogel degradation by macrophages at the rim 

of the hydrogels (highlighted in close-ups) were observed, cells were not able to 

completely degrade and infiltrate the dense hydrogels within three weeks. No 

noticeable difference was observed between both conditions.  
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Figure 74. Subcutaneous implantation of dense DGL/PEG hydrogels. Hydrogel 
composition 2/19 mM DGL/PEG with or without ELP (3.75 mg/ml) were subject to 
subcutaneous implantation in the back of SKH1 mice for three weeks. Fibrous capsule was 
measured for at least three hydrogels. Masson’s trichrome staining of the full explants and 
close-ups highlighting the hydrogel (#), the fibrous capsule (*) and macrophages (+).   

II. In vivo biocompatibility and cellular infiltration of porous 

DGL/PEG hydrogel  

To promote cell infiltration, the in vivo response of porous hydrogels was 

also evaluated. All porous hydrogels were deeply infiltrated by cells, contrarily to 

dense hydrogels. An important population of macrophages were visible, highly 

concentrated at the rim and within the porous implants, contrary to the dense 

hydrogels where they were only present on the external edges of the hydrogels. 

All porous implants showed signs of degradation after 3 weeks implantation, 

reflected by distortion of the outer dimensions and erosion of inter-porous walls, 

probably through macrophages phagocytosis and further opening the pores, as 

exemplified in the blue close-ups on Figure 75. Consequently, cells consisting of 

macrophages, fibroblasts and endothelial cells have filled the labyrinth of 

macropores after three weeks of implantation. Interestingly, no granulocyte or 

lymphocytes could be observed, suggesting a mild inflammatory reaction. 

However, to properly identify the presence of macrophages, IHC staining for anti-

MAC3 should be performed. Resolution of acute and chronic inflammatory 

responses can be indicated by the formation of granulation tissue, the infiltration 

of fibroblasts and neovascularization [283].  
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Figure 75. Subcutaneous implantation in mice for three weeks of DGL/PEG porous 

hydrogels of different compositions without ELP. Masson’s trichrome staining of the 
full explants and close-ups highlighting the hydrogel (#), the fibrous capsule (*), 
macrophages (+), synthesized collagen (α) and blood vessels (Φ). Hydrogel composition 
is expressed in as the ratio in mM of DGL/PEG concentration and with different pore sizes 
distributions (composition 1/19 is soft, 2/19 medium and 3/28 rigid, 7.7 ± 0.4, 41.5±5.0 
and 76.7 ± 15.5 kPa, respectively).   
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While the different porosities did not result in apparent differences of cellular 

infiltration, the hydrogel composition clearly induced structural and degradation-

related variations in the implants retrieved after 3 weeks. Softer hydrogels with 

composition 1/19 mM DGL/PEG (7.7±0.4 kPa) appeared condensed while harder 

ones with composition 2/19 and 3/28 mM DGL/PEG (41.5±5.0 and 76.7±15.5 kPa) 

conserved their initial porous structure. Similar observations were made in regards 

of phagocytosis, with harder hydrogels being less prone to degradation by 

macrophages. The presence of neo-tissue within the hydrogels, revealed by areas 

of deposited collagen, followed a similar pattern with an increased occurrence in 

harder hydrogels than in soft ones.  

 

 

Figure 76. Subcutaneous implantation in mice for three weeks of DGL/PEG porous 
hydrogels of different compositions with ELP (3.75 mg/ml). Hydrogel composition 
is expressed as the ratio in mM of DGL/PEG concentration with 3.75 mg/ml of ELP. Masson’s 
trichrome staining of the full explants and close-ups highlighting the hydrogel (#), the 
fibrous capsule (*), macrophages (+), synthesized collagen (α) and blood vessels (Φ). 
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Porous hydrogel with ELP showed a similar biocompatibility reaction, no 

distinct difference could be observed between the hydrogel without or with ELP 

(Figure 76). To comprehend the effect of ELP on biocompatibility more clearly 

further studies should be performed. Moreover, this in vivo biocompatibility study 

was performed with a low concentration of ELP (3.75 mg/ml). While a clear effect 

in cell adhesion and migration was observed in two-dimensions with this 

concentration, higher quantities of ELP were necessary to elicit an effect in three-

dimensional studies using porous hydrogel scaffolds.  

III. Neovascularization in DGL/PEG hydrogels implants 

In the skin, the dermis is well vascularized favoring the nutrition of the 

epidermis [44]. A proper neovascularization of tissue engineering scaffolds will 

have an impact on the success of a skin graft. In this context, the formation of 

capillaries or vascular structures deep in the pores of the implant was assessed by 

IHC of α-SMA (Figure 77). Interestingly, an important amount of blood vessels was 

present within and throughout the porous hydrogels after three weeks of 

implantation. In accord to current standards, slit-thickness grafts, it usually takes 

three weeks for the materials used as dermal equivalents to be vascularized, which 

is needed prior the application of the epidermal layer [39].  

 Fewer blood vessels were present in soft hydrogels compared to more rigid 

compositions, with a preference to porous hydrogels with a broader range of pore 

size (50-180 µm). When considering only the blood vessels with a diameter over 

25 µm, a preference to bigger pores was observed for more rigid compositions 

(Figure 77.B). Logically, bigger pores allow bigger blood vessels to penetrate the 

hydrogels; however, this could only be observed in rigid hydrogels since they were 

able to maintain their structure during implantation. This is in agreement with the 

observation made by Wake et al. who suggested that the introductions of larger 

pore size into scaffolds enhances angiogenesis by promoting faster vascularization 

[284]. On the contrary, softer porous hydrogels appear deformed and compressed 

after 21 days and fewer blood vessels are present. Although the appropriate pore 

size for tissue engineering applications is still debatable,  Yannas et al. showed 

that an average pore size of 20-125 µm in collagen-glycosamininoglycan graft 

allows the regeneration of skin [285], while Wang et al. proposed a scaffold for 
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human dermal connective tissue with bigger pores (90-360 µm) [286]. Here we 

propose an intermediate range of 50-180 µm.  

 

Figure 77. Blood vessels present after three weeks of subcutaneous implantation 

in mice in porous hydrogels of different compositions. A) IHC α-SMA in red, indicating 
blood vessels present within the porous hydrogels, while cells nuclei are stained with DAPI 
in blue; white lines delimit the border of the hydrogel and arrows point to sectioned blood 
vessels. B) Number of blood vessels present in the hydrogel of a diameter greater than 10 
µm or 25 µm obtained from image analysis of mosaic images of complete slides of porous 
hydrogels. Hydrogel composition expressed as the ratio DGL/PEG in mM, rigidity 7.7±0.4, 
41.5±5.0 and 76.7±15.5 kPa for soft, medium and rigid, respectively (three hydrogels per 
condition, two-way ANOVA, * p<0.05).  
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Critical evaluation and conclusion 

DGL/PEG hydrogels exhibited an adequate biocompatibility response in vivo 

as expected for PEG-based hydrogels [282], non-immunogenic DGL [24] and 

bioinspired ELP [32,80]. While no noteworthy difference was observed between 

hydrogels without or with ELP, this must be confirmed by more precise evaluations 

such as identifying cell types by specific markers, determining the degree of cell 

infiltration and neo-synthesized ECM. Moreover, an increase in ELP concentration, 

potentially eliciting a response in the porous scaffolds, must be considered. Indeed, 

in two-dimension hydrogels containing 3.75 mg/ml were able to induce a response 

in cell behavior, while greater quantities of ELP were necessary in three-

dimensional in vitro studies.  

The fabricated 3D porous scaffolds have proven to possess a highly 

interconnected structure, sufficient to allow cell ingrowth, vascularization and 

nutrient diffusion, which are important prerequisite for tissue engineering 

applications [176–178]. However, long-term biocompatibility and biostability of 

hydrogels has yet to be fully defined. Longer implantation periods could be 

performed to better understand the biodegradation profile of the hydrogels. 

Images suggest degradation of hydrogels by macrophages; however, more 

detailed information could be acquired with specific markers to distinguish 

macrophage and further confirm the lack of monocytes and lymphocytes related 

with chronic inflammatory reaction. Nonetheless, in addition to a good cellular 

infiltration, the important presence of blood vessels in the porous hydrogels is a 

further suggestion of the potential use of these novel hydrogels to support tissue 

formation. 
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Conclusion and Perspectives 
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Tissue engineered skin development has been greatly catalyzed by 

economical and ethical turning points in the cosmetic industry. As well as providing 

alternative tools to animal testing, skin equivalents have greatly contributed to the 

fundamental knowledge of skin homeostasis and epidermal formation. 

Furthermore, they provide an attractive alternative to autologous skin grafting 

when patient’s skin is not sufficient [40]. Most of the current materials used as 

scaffolds to reproduce the dermal compartment are made of collagen. Although 

collagen scaffolds benefit from their inherent ECM properties, they still bear certain 

disadvantages since they are still obtained from animal sources [146]. In this 

regard, the development of an innovative synthetic scaffold that mimic the ECM 

and circumvent issues from natural molecules was explored throughout this thesis. 

 First, the possibility to use poly-L-lysine dendrigrafts (DGL) as 

multifunctional crossliking points to form a PEG-based hydrogel was demonstrated. 

The hydrogel properties could be varied in relation to hydrogel concentration, 

notably hydrogel rigidity could be tailored between 7.7 ± 0.7 KPa to 90.4 ± 28.8 

KPa. The family of hydrogels demonstrated a viscoelastic behavior and great 

swelling capacity, both characteristic of highly hydrated polymers. In comparison 

to synthetic materials previously evaluated as dermal matrices (mostly comprised 

of fiber forming polymers and knitted meshes, as shown in Table 4) hydrogel’s 

polymeric network can absorb great quantities of liquids, therefore mimicking 

better the ECM. 

 Indeed, in physiological conditions fibroblasts are embedded in an ECM 

mainly composed of a collagen network and water-filled ground substances. While 

some classes of synthetic hydrogels allow a homogeneous cell encapsulation 

through a sufficiently quick and mild crosslinking chemistry, others need cells to 

be seeded on their surface and favor cellular infiltration. In our case, although the 

reticulation between NHS function of the PEG and the available amines at the 

surface of the DGL allows cell encapsulation, the cells are then trapped and unable 

to further invade the hydrogel matrix. Nonetheless, cell response to the material 

in relation to hydrogel composition could be easily studied in two-dimensions.  

The ability of DGL to confer inherent bioactivity to the PEG-based hydrogel 

was demonstrated, since cell adhesion was obtained without further 

functionalization or coating steps. While the adhesion could be associated to DGL 

concentration, a minimal concentration of PEG in relation to DGL was nevertheless 

necessary to sustain cell viability. Cell behavior such as morphology and 
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proliferation could not be correlated directly to hydrogel composition but to an 

overall substrate rigidity. In accordance with the literature, an increase in substrate 

rigidity resulted in an increase in cell spreading area [203]. Gels with tailorable 

mechanical properties have indeed been widely used to study cell response to 

substrate rigidity in two-dimensions [202]. For instance, rigidity of polyacrylamide 

gels can easily be controlled by varying the quantity of acrylamide monomer or 

bisacrylamide crosslinker, followed by collagen or fibronectin coating to allow cell 

adhesion without modifying the mechanical properties [201,205]. Although 

DGL/PEG hydrogel rigidity could be tailored with increasing concentration of 

hydrogel components, the dependence of cell adhesion to DGL impedes to clearly 

distinguish between the contributions of mechanical properties and biological cues. 

A similar problem is observed when natural gels are used as tools to study 

mechanosensitive cell response (e.g. collagen, Matrigel), as their Young’s modulus 

is increased with increasing concentrations of protein, concomitantly to their 

biological activity [202]. 

 

Considering that the project explored the potential of a novel hydrogel for 

skin engineering applications, human dermal fibroblast response to the biomaterial 

was the primary focus. Nonetheless, different cell types were able to adhere to the 

hydrogel, indicating a wider potential of soft tissue applications. Although only a 

couple of hydrogel compositions were investigated in relation to nasal human 

chondrocytes, preliminary results suggest their interest in conserving physiological 

chondrocyte phenotype, as in vitro cell culture substrates. These results being only 

based on morphological observations require a more comprehensive investigation 

considering a broader range of compositions. Moreover, the evaluation of 

chondrocyte differentiation markers must be performed to properly assess this 

potential. For example, the ratio of collagen II compared to collagen I should be 

determined to properly indicate the cell phenotype, since a higher collagen II 

expression would confirm the normal chondrocyte phenotype.  

Cell viability and behavior in two dimensions provides basic information on 

the cell interactions with the material’s inherent properties. However, to properly 

allow the reconstruction of a dermis, cell must be able to infiltrate the hydrogel. 

For dense DGL/PEG hydrogels, cells seeded on the surface are not able to migrate 

into its matrix. It would be of interest to determine the mesh size of the different 

hydrogel compositions, in relation with their mechanical and swelling properties. A 
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broader mesh size could allow cell infiltration through the dense material. This 

could be obtained by using higher molecular weight PEG molecules. However, the 

mechanical properties and biocompatibility would also be modified and would need 

further study. PEG molecules are versatile synthetic building blocks that can be 

easily functionalized to incorporate adhesion sequences and degradation sites to 

promote 3D cell behavior [287].  Incorporating peptide sequences susceptible to 

cleavage by cell-secreted proteases to allow cell mediated degradation of the 

synthetic materials when encapsulating cells could be further studied in the future 

as a technique to colonize the hydrogel. Besides incorporating degradation sites 

into the polymeric network to provide cell-remodeling abilities to the matrix, 

another approach to bypass the lack of cellular infiltration is to process the material 

before cell seeding. For the latter, simple post-fabrication techniques can be 

employed to introduce a controlled porous structure into a scaffold without 

modifying the hydrogel formulation and bulk properties. In our case, the use of a 

particulate leaching technique, with paraffin microspheres as porogens, resulted in 

highly porous scaffolds. Naturally, the mechanical properties of the porous 

materials were decreased in comparison to the bulk materials, which resulted in 

scaffolds with mechanical properties close to the ones reported for native skin, 

when measured by indentation methods. The mechanical properties allowed to 

discriminate between two hydrogel compositions with a similar ratio of available 

amines per NHS groups but with increasing concentrations of DGL and PEG and 

therefore different rigidities.  

The porous structures demonstrated their potential as a scaffold to support 

cell growth and tissue formation. Confirming a sufficient interconnection between 

pores, fibroblasts were able to swiftly infiltrate and proliferate within the hydrogel 

while synthesizing their own ECM. Evidence of type I collagen and fibronectin 

expression suggests that fibroblasts have filled the uppermost pores with 

neosynthesized ECM effectively producing a dermal equivalent. The contribution of 

the ECM component to the newly formed matrix could also be observed by an 

increase in storage modulus of the cellularized hydrogels. The potential of the 

obtained dermal equivalent was validated by comparing it to the well-known Col-

GAG-Chi sponges, in the context of full-thickness skin models. The production and 

culture protocol of these scaffolds have been optimized for more than 30 years, 

ensuring the formation of a stratified epidermis in full-thickness skin equivalents. 

Like DGL/PEG hydrogels, cells were seeded on the surface of Col-GAG-Chi sponges 
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and allowed to infiltrate and colonize the matrix over three weeks to obtain a 

dermal equivalent. The keratinocytes were then seeded on the surface of this 

dermal component, to produce a reconstructed full-thickness skin. Unlike Col-GAG-

Chi controls, however, the stratified epidermis formed in DGL/PEG hydrogel was 

significantly thinner and less defined. The difference in thickness could be related 

to the lack of the stratum corneum, which could have detached on account of a 

less cohesive epidermis. Interestingly, the porous structure of the DGL/PEG 

hydrogel encouraged the formation of rete pegs and rete ridges along the dermal-

epidermal junction, mimicking the skin structure. Although skin equivalents 

obtained with DGL/PEG hydrogels did not perform better than those obtained with 

Col-GAG-Chi sponges, their potential as a matrix for full-thickness equivalents 

cannot be completely excluded. Neither material can be exactly compared to each 

other, as some specific cell culture steps differed (e.g. air liquid interphase, size of 

the matrix, sterilization...). These differences bring forth an opportunity for 

improvement of the cell culture protocol with the DGL/PEG hydrogels. Epidermis 

stratification is a complex process; media composition and volume need to be fine-

tuned for each specific substrate, its thickness and porosity. DGL/PEG hydrogels 

were considerably smaller than the Col-GAG-Chi sponges, making their transfer 

from the inside of the inserts to another support during air-lift impossible.  Further 

optimization of media parameters and modulation of the humidity in the incubator 

in the terminal phase of cell culture could improve the quality of the epidermis. 

Few synthetic materials have been evaluated for skin engineering applications 

(Table 4). Mainly synthetic polymers have been studies as knitted mesh of fiber 

matrices which do not mimic the highly hydrated ECM. Limited success of this 

synthetic materials is often related to the lack of biological signals to promote cell 

function; therefore, they were further exploited as composites formed from 

synthetic polymers and natural components. Only recently, a polystyrene scaffold 

without exogenous ECM components has demonstrated its potential to produce a 

full-thickness skin equivalent [125]. They were able to obtain a well-defined and 

highly stratified epidermis and a good epidermal junction, however, in comparison 

to our model, few fibroblasts infiltrated the scaffold, a majority of cells formed 3D 

layers on both surfaces of the material.  

 

Another opportunity of improvement to enhance the cellular response to the 

material is through biomimicry. Instead of focusing on reproducing the collagen 
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properties, which can easily be synthesized in vitro by the fibroblasts, elastin is an 

attractive alternative. Elastin synthesis in vitro is quite limited and its extraction 

from natural sources is complicated, yet its structure can be replicated by 

recombinant techniques  [31]. Along this line, the incorporation of an ‘in-house’ 

elastin-like polypeptide (ELP) to the hydrogel composition was evaluated. 

Contrarily to our expectations, the ELP had no influence on the mechanical 

properties of the material, possibly because of a lack of the peptide integration 

within the hydrogel polymeric network. Nevertheless, our results suggest that the 

ELP could be embedded and remain sequestrated within the hydrogel matrix. It 

would be interesting to better understand the immobilized density of the ELP and 

protein release over time. Usually simple techniques such as BCA and UV 

absorption and use to quantify proteins, however, the ELP is not detectable with 

classical techniques. Further work should nevertheless be performed to understand 

the long-term release profile of the ELP, which could provide more ground to 

understand the effects of ELP that were observed on fibroblasts in vitro. More 

complex techniques, such as liquid chromatography, are being evaluated as 

quantification techniques for ELP. The release profile over time will help understand 

the differences in ELP concentration needed to elicit an effect in two- and three-

dimensions. While two possible mechanisms were proposed to explain the 

biological action of the ELP on cells, additional analysis with the DGL/PEG hydrogels 

should be performed to distinguish between the relative contribution of both ELP 

bioactive sequences (GRKRK and VGVAPG). In a wider view, it would also be 

interesting to assess the entrapment of other molecules in the polymer network, 

such as growth factors of cytokines, to promote tissue regeneration besides 

providing structural support.  

While three-dimensional in vitro studies suggest that ELP improves hydrogel 

colonization, the advantages of the incorporation of ELP in the context of full-

thickness skin equivalents should also be evaluated in the presence of an epidermal 

layer. Indeed, a faster colonization and ECM synthesis could be advantageous. For 

instance, a greater abundance of ECM proteins at three weeks could increase 

epidermal adhesion to the dermal equivalent, since keratinocytes will be in direct 

contact with the native ECM components and not the synthetic material. In 

addition, the possible effect of VGAVAPG on keratinocytes migration and 

differentiation should be assessed. Although, the ELP did not increase the elasticity 

of the polymeric network, its effect in elastin synthesis cannot be rule out. Despite 
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the fact that no difference could be observed after 21 days of culture in the 

presence of ELP, elastin expression is usually reported once keratinocytes are 

incorporated [126,271]. To accurately evaluate the effect of ELP on elastin 

synthesis, samples should be assessed after the complete formation of a full-

thickness skin equivalent. 

 

 In a more general view, criteria such as barrier function, morphology, 

reproducibility and quality control should be addressed to validate the potential of 

the DGL/PEG hydrogel with or without ELP as an alternative to other in vitro skin 

models. The lipid profile characterization is essential in the case of the development 

of new tissue models. Further studies on lipid composition by FT-IR spectrometry 

or RAMAN spectrometry should be performed in correlation with permeability 

studies. While further characterization should indeed be performed, our synthetic 

model could benefit of its straightforward reticulation process and low degradation 

profile in physiological and acid conditions, which suggest an important shelf-life. 

Moreover, the ELP can be produced in bioreactor with a simple purification process 

and quite a high production yield in contrast to other recombinant proteins.   

Unlike in vitro applications, the degradation rate of a supporting material 

must be pared with the formation of a new tissue in vivo, while it should not 

generate an extensive immunological response. In this regard, DGL/PEG hydrogels 

showed a mild inflammatory reaction, with a normal foreign body reaction. 

Although no differences were observed between hydrogel with or without ELP, 

further experiments should be performed with greater quantities of peptides to 

rule out any toxicity and elicit a visible effect. Similarly to in vitro experiments, cell 

infiltration in vivo was only observed when the hydrogels were rendered porous. 

Evidence of degradation was reflected by the erosion of inter-porous walls through 

macrophages phagocytosis; however, this must be confirmed with specific markers 

to distinguish macrophages and complete degradation profiles should be assessed 

through longer implantation times. While a-SMA staining suggested the formation 

of blood vessels on the hydrogels implanted for three weeks, it would be interesting 

to better evidence the neovascularization with specific markers of endothelial cells, 

such as CD31, CD34 or VEGF.  Moreover, to further study the potential of this 

biomaterial in regenerative medicine, experiments targeting the improvement of 

wound healing should be performed. The important presence of blood vessels in 

the porous hydrogels let foresee the possibility to obtain a vascularized dermal 
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equivalent, which would enable the adhesion and nourishment of the epidermal 

compartment. While preliminary studies were performed with such hypothesis in 

mind, no concrete data could be obtained. Following the application of acellular 

porous hydrogels in skin wounds of mice, it was either removed rapidly by the 

animal or evacuated with the scab. An adequate protocol should therefore be 

developed to properly investigate the potential of the hydrogel in would healing, 

and the use of previously cellularized hydrogels should be considered.  
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Technical difficulties-Nucleic acid extraction 

Several techniques to study cell response to a biomaterial require the 

isolation and extraction of nucleic acids. For example, DNA quantification is 

routinely used as an accurate technique to determine cell density in a biomaterial 

and therefore cell proliferation. Likewise, gene expression can provide relevant 

information of cell interactions with a given biomaterial. To do so, techniques such 

as qPCR and microarrays require the isolation and extraction of RNA from the cells 

present on the surface or within a biomaterial. If several protocols for the 

extraction of nucleic acids from cells cultured on plastic cultures plates or 

commercially available 3D models are readily available, the extraction of nucleic 

acids from DGL/PEG resulted, however, in unreliable results. DNA quantification 

with classic techniques (e.g. bisbenzimide H33258, Qubit DNA assay and 

absorbance measurement at 230/260) showed an underestimated DNA content 

that did not correspond with the increase in cell density observed by microscopy 

observations or to the initial DNA content of cell seeded on the porous hydrogels 

(Figure 78.A).  

 

 

Figure 78. DNA quantification under estimation due to interactions with DGL.  

A) DNA content obtained from fibroblast-colonized porous DGL/PEG hydrogels after 1, 7 
and 14 days of cell culture. For extraction a Sigma kit (DNAQF) was used followed by DNA 
quantification using bisbenzimide H33258 assay. B) Quenching effect in DNA extraction 
and quantification of DGL/PEG hydrogel in the presence of a known number of cells.  

 

Dendritic polymers, such as DGL, have been studied as vectors for gene 

delivery thanks to their ability to bind nucleic acids via electrostatic interactions 

and compact DNA into polyplexes [25,26]. While for certain applications these 

interactions are certainly of great interest, it represented in our case a serious 

difficulty. To confirm that the effect observed in DNA extraction and quantification 
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of fibroblasts seeded in porous hydrogel was not due to a cytotoxic effect of the 

hydrogel, the DNA from increasing cell densities were extracted in the presence of 

the hydrogel, as shown in Figure 78.B, DNA quantification was underestimated in 

comparison to control. 

 

To limit the interactions between the nucleic acid and DGL molecules during 

the extraction process several techniques were assessed. To do so, increase 

concentrations of NaCl, the use of an anion exchange resin (BIO-Rad) and sodium 

dodecyl sulfate (SDS) were evaluated to saturate the positively charged DGL 

molecules and avoid their interactions with the negatively charges nucleic acids. 

The use of SDS showed an adequate potential to avoid DNA-DGL interactions as 

can be observed in Figure 79. The addition of SDS to a final percentage of 0.5% 

and 0.2% allowed to properly separate DNA (1 µg) from 4 µg of DGL. When DGL 

concentration was increased ten times, 0.5% SDS was still able to show a similar 

effect, however, smaller concentrations (0.2% SDS) were inefficient (data not 

shown). Here, all reagents were incorporated at the same time and incubated for 

30 min at room temperature before loading in agarose gel. In a similar manner, 

the addition of SDS after incubation of DGL with DNA showed the ability to separate 

DNA from DGL molecules (data not shown).  

 

 

Figure 79. Effect of SDS percentage in DNA extraction from interactions with DGL 

by electrophoresis. Before loading agarose gel, fluorescent DGL (4 µg) was mixed with 
DNA (1 µg) and incubated for 30 minutes at room temperature with increasing 
concentrations of SDS. SDS concentration is expressed as its final percentage. Fluorescent 
DGL appear in green at the load point, while DNA migrated and is observed in pink.  
 

  



179 

 

To validate the DNA extraction from the formed hydrogel with SDS, 

cryogenically grinded hydrogels and known DNA amounts were incubated in 

presence of SDS and loaded into an agarose gel. As observed in Figure 80, 10 µg 

of DNA were able to properly be separated with 0.5% SDS from grinded hydrogels. 

Accordingly, nucleic acid extraction protocols were modified by incorporating SDS 

into classic TRIzol protocol (page 94).  

 

 

Figure 80. Validation of DNA extraction from hydrogel. Before loading in agarose gel, 
hydrogel 2/19 mM DGL/PEG was cryogenically grinded and mixed with DNA (1 and 10 µg) 
and different SDS concentrations (5% and 0.5%), in a final volume of 200 µl for 5 minutes 
at room temperature. SDS concentration is expressed as its final percentage.  
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Poster and oral presentations  

Oral presentations  

National  

1. Skin models in Cosmetic Science: Bridging Established Methods and Novel 

Technologies Conference, December 2-4, 2019. (Tours, France): 

“Evaluation of a novel tunable lysine dendrimers and polyethylene 

glycol hydrogel as a three-dimensional matrix to support tissue 

formation and the development of full thickness skin models.” 

2.  3rd BIOMAT Congress, June 3-4, 2019. (La Grande-Motte, France): 

“Dermal equivalents produced with an innovative elastino-mimetic 

hydrogel” 

3. 2nd BIOMAT Congress, June 12-15, 2018 (Ambleteuse, France): 

“Characterisation and evaluation of elastino-mimetic hydrogels for 

soft tissues applications" 

International  

1. 27th Tissue Engineering and Regenerative Medicine (TERMIS) European 

Chapter Meeting, May 27-31, 2019 (Rhode, Greece): “Dermal 

equivalents produced with an innovative elastino-mimetic 

hydrogel” 

2. 7th Symposium Fellowship CONACYT, April 11-13, 2018 (Strasbourg, 

France): “Characterisation and evaluation of elastino-mimetic 

hydrogels for soft tissues applications" 

3. 28th Annual Conference of the European Society of Biomaterials (ESB), 

September 4-8, 2017 (Athens, Greece): “Characterisation and 

evaluation of elastino-mimetic hydrogels for soft tissues 

applications" 
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Poster Presentations  

National  

1. Skin and Formulation 5th Symposium & 17th Skin Forum, September 23-

24, 2019 (Reims, France): “Skin equivalents producedwith an 

innovative hydrogel and the potential of a synthetic elastin protein 

to improve cell growth in dermal equivalents.”  

2. Annual Scientific Day of the Laboratory of Tissue Biology and Therapeutic 

Engineering (LBTI) February 12, 2019 (St-Foy-lès-Lyon, France): 

“Innovative matrix for the development of dermal and epidermal 

equivalents” 

3. 23rd Scientific Day of Doctoral School (EDISS), October 11, 2018 

(Villeurbanne, France): “Innovative matrix for the development of 

dermal and epidermal equivalents” 

International  

1. 29th Annual Conference of the European Society of Biomaterials (ESB). 

September 9-13, 2018 (Maastricht, The Netherlands): “Innovative matrix 

for the development of dermal and epidermal equivalents” 

2. 1st Forum Franco-Quebecois de l’Innovation en Santé, October 11-12, 2016 

(Montreal, Canada): “Evaluation of a Biomimetic Hydrogel as a 

Support for Reconstructed Skin “ 

Awards  

 Best oral presentation at the 27th Tissue Engineering and Regenerative 

Medicine (TERMIS) European Chapter Meeting, May 27-31, 2019 (Rhode, Greece) 

by the Journal of Materials Chemistry B. 
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Scientific Articles  

1. “Versatile lysine dendrigraft and polyethylene glycol hydrogels with 

inherent biological properties: in vitro cell behavior modulation and in 

vivo biocompatibility.” Mariana Carrancá, Louise Griveau, Noëlle Remoué, 

Chloé Lorion, Pierre Weiss, Valérie Orea, Dominique Sigaudo-Roussel, Clément 

Faye, Daniel Ferri-Angulo, Romain Debret, Jérôme Sohier. Accepted for 

publication at the Journal of Biomedical Materials Research: Part A. August 

2020. (DOI:10.1002/jbm.a.37083) 

2. “Substrate softness promotes terminal differentiation of human 

keratinocytes without altering their ability to proliferate back into a 

rigid environment.” Choua Ya, Mariana Carrancá, Dominique Sigaudo-

Roussel, Philippe Faure, Bérengère Fromy & Romain Debret. Archives of 

Dermatological Research. December 2019, Volume 311, Issue 10, pp 741-751. 

(DOI.org/10.1007/soo403-019-01962-5) 

 
 

 

Versatile lysine dendrigraft and polyethylene glycol hydrogels with cell behavior modulation 

and in vivo biocompatibility. 
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