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Chapter 1     | 

General introduction 

In 1907, Ross G. Harrison became the first recognised researcher for describing a 

successful procedure to keep tissue alive outside of the parent organism [1]. Harrison’s 

seminal work led to the development of cell culture, a method where living cells can 

proliferate in sterile, in vitro conditions on glass or plastic surfaces [2]. Cell culture is the 

source of most of our current understanding of cell biology, physiology and 

pathophysiology [3,4]. Despite the invaluable contributions attained with this 

technique, standard cell culture models have inherent limitations that fail to capture the 

native cellular microenvironment of organs and tissues. Limitations include restricting cell 

adherence to a single plane, forced apical-basal polarity, and the absence of soluble 

gradients of growth factors [5,6]. Cell spreading and proliferation are unconstrained in 

standard cell cultures, only halted by contact inhibition. Both spreading and proliferation 

occur as a bi-dimensional (2D) monolayer over plastic or glass surfaces that provide non-

physiological mechanical stimuli [2] (Figure 1). This mechanical stimulus can influence cell 

morphology and gene expression [7]. These limitations highlight the need for models that 

mimic the natural three-dimensional environment in which cells reside: the extracellular 

matrix (ECM) [5].

The extracellular matrix 

The ECM is a three-dimensional mixture of water and macromolecules that 

represents the non-cellular component of all organs and tissues [8]. The main classes of 

macromolecules that comprise the ECM are glycosaminoglycans (GAGs) and fibrous 

proteins. GAGs are highly hygroscopic molecules that contribute to matrix hydration and 

protein binding. The combination of GAGs with water provides stress dissipation against 

mechanical forces [8,9]. Fibrous proteins include collagens, elastins and fibronectin 

which, convey in conjunction biomechanical and biochemical cues to the cells  [10–13].  

While the main function of the matrix was regarded solely as a scaffold material, 

investigation into individual matrix components has elucidated their biological relevance 

in health and disease [14–16]. Hence, the ECM not only provides mechanical support to the 

cells but can guide cell fate and tissue morphogenesis.  
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Figure 1. Cell culture in 2D and 3D models. Properties found in both types of cell cultures are mentioned. Created with 

Biorender.com 
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It takes two to salsa dance: the cell and its matrix 

Dancing is an art that consists of body motion in a rhythmic pattern, usually in 

the presence of music. In salsa dancing, the movements can either be improvised or 

purposefully selected by a leader and answered by a follower. The leader must indicate the 

steps and turns to the follower, using non-verbal communication and relying on the musical 

tempo. Proper coordination between the leader and the follower leads to a well-executed 

performance, with minor mishaps. A similar occurrence transpires between the cell and its 

matrix. Both entities follow rhythmic patterns in coordinated and constant crosstalk 

in the presence of environmental stimuli to achieve homeostasis. Unlike salsa dancing, 

the relationship between the cell and the matrix has no clear leader nor follower.  

The ECM can lead the cell into differentiation, proliferation or even apoptosis by 

signalling via the integrins and other cell surface receptors into activating intracellular 

pathways [17,18].  

In return, the cell can lead to changes in the ECM by rearranging, remodelling or 

degrading its pericellular region [19–21]. Hence, both the cell and the ECM act as leaders and 

followers due to their constant reciprocal relationship. A mishap in cell-matrix interaction can 

lead to an aberrant performance that can culminate in pathological events [22,23]. 

Mechanical characteristics of the ECM are drivers of both healthy and diseased cellular 

behaviour. Thus, in vitro models must consider the implication of matrix mechanics to be 

representative of cell biology.  

Extracellular matrix mechanics 

Historically, the study of ECM mechanics has focused solely on its elasticity, also 

known as stiffness [24–29]. Elasticity (E) is the resistance of an object to undergo reversible 

deformation (strain, ε) in the presence of a force (stress, σ). Once the force is removed, an 

elastic material will return to its original shape and size. Purely elastic materials will exhibit 

a linear increase in the strain as a response to applied stress (Figure 2a). The slope from the 

stress-strain relationship serves to calculate the elastic modulus (E) of an object, quantified 

in terms of Pascals (Pa) units [30]. Unlike stress, the strain has no units as it represents a 

fraction of the total material deformation. For elastic materials, the magnitude of E is 

independent of the rate of deformation (or strain rate).  
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Research performed with cells cultured in 2D, on top of substrates of variable stiffness, 

shows that higher elastic moduli increase cell proliferation rate, with cells displaying a more 

elongated morphology [18,31–33].  

Substrate stiffness can also guide mesenchymal stem cells (MSCs) towards alternate 

differentiation states of neuronal (0.1-1 kPa), myoblastic (8-17 kPa) or osteoblastic (> 100 kPa) 

phenotypes [26]. However, organs and tissues do not behave as purely elastic materials but 

are viscoelastic in nature, the high water content of their ECM imparts them the property of 

viscous flow on top of elasticity. Viscosity () is a property of fluid materials that occurs as a 

response to deformation. Unlike an elastic material that stores energy, an unrestrained viscous 

material (e.g. water) will almost immediately dissipate the stress, returning to its resting state 

(Figure 2c). The combination of both elastic and viscous responses is called viscoelasticity. A 

viscoelastic material will not store the stress/force/energy, but will dissipate it over time in a 

process called stress relaxation. In viscoelastic materials, their elastic modulus is strain rate-

dependent (Figure 2b) and is observed as a time-dependent process i.e. stress relaxation at 

constant strain [34] (Figure 2c) or creep at constant stress (Figure 2d). While viscoelasticity is 

a universal property of organs and tissues, it is only recently that its role in cell-matrix biology 

is being investigated [35–40]. Data from 3D cell cultures indicate matrix viscoelasticity (i.e. 

faster stress relaxation) increases cell spreading, cell migration, and MSC differentiation, 

independent of the stiffness parameter [36,41] (Figure 2e, f). 
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Figure 2. Mechanics of the extracellular matrix. (a) Linear elasticity, where the slope of the stress and strain (dotted lines) 

serve to calculate the elastic modulus (in Pascals; Pa) of a material. (b) Strain rate-dependent elastic modulus is found in 

most organs and tissues. (c) Time-dependent stress relaxation behaviours at constant applied strain were observed for 

viscoelastic materials. (d) Time-dependent creep behaviour at constant applied stress was observed for viscoelastic 

materials. (e) Highly elastic matrices prevent cell spreading. (d) A viscoelastic matrix allows facilitates cell spreading. 

Created with Biorender.com. 
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Modelling the extracellular matrix 

The most common models employed to mimic the ECM in vitro are hydrogels: 

3D macromolecular networks that can retain up to 90% of their mass in water [3,6,42,43]. 

These networks are formed by covalent crosslinks, physical interactions or both. Hydrogels 

can be classified according to the polymer source into natural, synthetic and semi-synthetic 

[44]. Due to their origin, natural hydrogels are regarded as biocompatible and 

biodegradable, although exceptions exist (e.g. alginate) [45,46]. Limitations of natural 

hydrogels include batch-to-batch variability and “weaker” mechanical properties than 

those achieved in synthetic and semi-synthetic materials [47]. Synthetic hydrogels are more 

consistent in their overall properties, as their polymer source has lower batch-to-batch 

variations than natural hydrogels [6,46]. Their mechanical properties are tuned by 

manipulating the crosslinking conditions such as polymer and crosslinker concentrations or 

crosslinking time [48,49]. Synthetic hydrogels can also be biocompatible and 

biodegradable, and their polymer backbone can be tweaked to incorporate cell-binding 

motifs and cell-sensitive degradation sites [6,25,49–51]. Lastly, semi-synthetic hydrogels 

are produced by modifying the backbone of natural polymers to incorporate 

crosslinking sites [52]. These sites grant semi-synthetic hydrogels with mechanical 

stability and tuneability not frequently achieved in unmodified natural polymers [37,53–55]. 

The presence of these newly formed crosslinking sites does not compromise their 

biocompatibility and biodegradability but delays their in vivo degradation [55,56]. It is 

important to remark, that many hydrogel formulations are not limited to a single 

polymer type [57–60]. Examples of hydrogels commonly reported in the literature can be 

found in Table 1. The choice of hydrogels and crosslinkers are application-specific and thus 

opting for a particular polymer will depend on the research questions to be answered.  
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Rationale and outline of this thesis 

Hydrogels are ECM mimics because when combined with cells, they provide similar 

properties to those experienced by the cell in vivo [6,42,44]. Within hydrogels, cells can adhere 

in all three dimensions and, their spreading and migration patterns are not limited to a single 

plane, as seen in standard 2D cell culture systems [2,87]. In the 3D hydrogel 

microenvironment, cells are constrained and must reconcile with the mechanics of their 

surroundings [88]. The cell experiences the resistance of the matrix to deformation (elasticity), 

but this initial resistance will decay over time (viscoelasticity) (Figure 2e,f). In hydrogels, both 

elastic and viscoelastic properties are tuned to resemble those present in native ECM. 

However, most data available describing hydrogel/ECM viscoelasticity derives from non-

degradable, synthetic materials and a short (less than a day) or even single time scales [37,89–

91]. Thus, this thesis investigated the impact of architecture, composition and cells on the 

elasticity and viscoelasticity of the ECM in defined natural and semisynthetic hydrogels.  

In Chapter 2, the methods and techniques commonly employed to assess hydrogel 

microarchitecture and topography were reviewed. This literature analysis summarises the 

working principle of each technique, the data that can be obtained as well as the advantages 

and limitations each method possesses when applied to hydrogels. This chapter serves as a 

gateway to understanding the technical principles from which substantial data presented in 

this thesis derives. 

In Chapter 3, we compared the viscoelastic properties of organ-derived ECM 

hydrogels from skin, lung and cardiac left ventricle (LV). These organs are constantly 

subjected to mechanical forces but fulfil different functions. Skin responds to constant 

mechanical stimuli due to body movement. The lung undergoes inflation and deflation cycles 

to allow gas exchange. LV provides continuous contraction of the heart to pump blood. While 

collagen type I is the main constituent of the organs mentioned, its microarchitectural 

arrangement and presence of other components could influence their mechanical properties. 

We hypothesised that the composition and architecture of skin, lung and LV ECM dictated 

their viscoelastic properties. We tested this hypothesis using hydrogels from decellularised 

skin, lungs and LV.  
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In Chapter 4, the elastic and viscoelastic properties of co-polymeric platelet-poor 

plasma-agarose (PA) hydrogels were characterised in the presence of human dermal skin 

fibroblasts. Cell-loaded PA hydrogels are of interest for tissue engineering and regenerative 

medicine (TERM) applications in epidermal reconstruction.  A co-polymer formulation is a 

common approach to tuning hydrogel mechanics in terms of stiffness, but its impact on 

hydrogel viscoelasticity is less studied. Therefore, we investigated the impact of variable 

agarose concentrations on hydrogel ultrastructure and viscoelasticity. We also investigated 

if increasing agarose concentrations negatively correlated with changes in cell viability and 

cell metabolism.  

In Chapter 5, we investigated the impact of adipose tissue-derived stromal 

cells (ASCs) upon the viscoelasticity of gelatine methacryloyl (GelMA) hydrogels. 

ASCs are multipotent and can differentiate into adipogenic, chondrogenic, and osteogenic 

phenotypes, among others. GelMA is a semi-synthetic hydrogel with properties similar to 

those present in the ECM and tuneable mechanical properties. The combination of 

GelMA-ASCs interests TERM applications, 3D bioprinting and the study of stem cell 

behaviour in 3D environments. We hypothesised that ASCs would alter the mechanical 

stability and viscoelasticity of GelMA hydrogels in terms of stiffness and stress relaxation 

during 14 d in 3D culture conditions. We also investigated if changes in hydrogel 

mechanics could be traced mathematically with a generalised Maxwell model of 

viscoelasticity. 

In Chapter 6, we investigated the turnover mechanisms by which ASCs modify the 

GelMA microarchitecture. GelMA hydrogels are biodegradable, a property commonly 

characterised by exposing the polymer to enzymes, such as collagenases. However, these 

degradation tests overlook the actual contribution of cell populations in 3D to the 

degradation process and the overall matrix turnover. Hence, in this work, we investigated 

if the ASCs-derived expression of matrix metalloproteases (MMPs) in GelMA hydrogels 

correlated to alterations in hydrogel microarchitecture in terms of pore size and porosity. 

In Chapter 7, we investigated if the incorporation of immunomodulatory pectins into 

the backbone of alginate-based hydrogels compromises the mechanical properties of 

alginate hydrogels. 3D printability of alginate was tested when in combination with a 

synthetic polymer, Pluronic F127. Immunomodulatory effects of pectins were tested both in 

vivo and in vitro models, to improve the viability of insulin-producing cells.  
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Chapter 8, summarises and compares the outcomes of this thesis with the existing 

literature. Based on this information, we propose future research perspectives in the field of 

extracellular matrix biology and their relevance in TERM applications. 
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Abstract 

The extracellular matrix (ECM) is a three-dimensional, acellular scaffold of living 

tissues. Incorporating the ECM into cell culture models is a goal within cell biology studies 

and requires biocompatible materials that can mimic the ECM. Among such materials are 

hydrogels:  Polymeric networks that derive most of their mass from water and are formed by 

covalent cross-linking, physical bonding, or both. Through tuning their properties, these 

polymer networks can resemble living tissues. Structural architecture of hydrogels, such as 

porosity, pore size, fibre length, and surface topology can drive cell fate. Adequate 

characterisation of these parameters requires reliable and reproducible methods. However, 

most methods were historically standardised on other biological specimens, such as 2D cell 

cultures, biopsies or animal models. Therefore, their translation to the in vivo situation comes 

with technical limitations when applied to hydrogel-based cell culture systems. In our current 

work, we have reviewed the most common techniques employed in the characterisation of 

hydrogel microarchitecture. Our review provides a concise description of the underlying 

principles of each method and summarises the collective data obtained from cell-free and cell-

loaded hydrogels. The advantages and limitations of each technique are discussed, and 

comparisons are made. The information presented in our current work will be of interest to 

researchers that employ hydrogels as platforms for cell culture, 3D bioprinting and other 

fields within hydrogel-based research.  



|     Characterising the structural properties of hydrogels for cellular applications 

31 

Mimicking the extracellular matrix: hydrogels 

The ECM is a three-dimensional (3D) acellular, heterogeneous network composed 

mainly of fibrous proteins, and proteoglycans, saturated with water [1]. The ECM provides 

structural support and instruction to cells governed by its biophysical and biochemical cues. 

Among the materials employed to mimic the ECM are hydrogels: polymeric networks 

that absorb and can retain over 90% of their mass in water [2]. When loaded with cells, 

hydrogels can provide biophysical conditions similar to those found in the native 

ECM [3,4]. For example, cell adhesion is not limited to a single plane and there is no 

forced polarity as observed in vivo. Instead, in hydrogels, cell spreading and migration are 

modulated due to the variable stiffness and viscoelasticity of the material [5,6]. Hydrogels 

are formed via physical and chemical crosslinks and are commonly classified based on their 

polymer source [2,7,8]. Fibrin [9], collagen [10], and decellularised organ-derived ECM 

[11–15] are examples of natural hydrogels and are regarded as biocompatible and 

bioactive [16]. These materials retain native cell-binding sites as well as protease-targeted 

degradation motifs, but due to their source, batch-to-batch variations can influence hydrogel 

tuneability and overall mechanics and microarchitecture [7,16,17]. Synthetic hydrogels 

such as polyacrylamide and polyethylene glycol are regarded as more tuneable than 

natural hydrogels as their reconstitution conditions result in fewer batch-to-batch 

variations. Modifying the polymer backbone and molecular weight of synthetic hydrogels 

are common approaches to fine-tune their properties. However, synthetic hydrogels lack 

inherent fundamental biological cues and require conjugation with cell-binding peptides 

(e.g. RGD, GFOGER, IKVAV) to be biocompatible [7,18–20]. Semi-synthetic hydrogels 

such as gelatine methacryloyl (GelMA) [21–24] or methacrylated hyaluronic acid 

(HAMA) [25,26] stem from incorporating crosslinking sites into the backbone of a natural 

polymer. These sites grant semi-synthetic hydrogels with mechanical stability and 

tuneability not commonly achieved in natural hydrogels [27–29]. Semi-synthetic 

hydrogels retain some biocompatible and bioactive features, being derivatives of natural 

polymers. For a more detailed description of the properties of individual hydrogel 

polymers, the reader is referred elsewhere [2,16,30]. The wide variety of polymers 

available for cell culture assays allows researchers to tailor hydrogel-based cell culture 

models to their research question(s). Within hydrogels, the microarchitecture is an inherent 

property known to influence cell fate [31–33].  
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Hydrogel structure: Microarchitecture 

In biology, microarchitecture refers to the detailed structure of any organ at a 

micrometre scale. In hydrogels, the microarchitecture depends on the organisation of the 

polymer network during the sol-gel transition, the polymer concentration and the 

crosslinking conditions (e.g. ionic strength, temperature, pH), among others [34,35]. The 

resulting polymer network also referred to as mesh size or molecular porosity, influences 

oxygen and nutrient diffusion [36]. Porosity is the percentage of void space in a material and 

it represents a fraction of the total volume [37,38]. Pore sizes influences contact guidance 

during cell migration or inhibit cell orientation [39,40]. Small size pores induce cell 

aggregation and inhibit proliferation [37]. Large size pores may compromise the mechanical 

stability of the polymer network due to excessive void, depending on the crosslinks holding 

the network together [41,42]. In hydrogel-based tissue engineering, pore size is critical for 

bone [37,43] and cartilage [44] and vascular network [45] formation to occur both in vivo 

[37,46–48] and in vitro [37,43,44]. Nonetheless, such processes are not solely pore size-

dependent [41], highlighting the importance of ECM composition [41] and conformation [34] 

in driving cell fate. Other components of hydrogel microarchitecture include fibre diameter, 

length and orientation [39,49–51] and network inhomogeneity [52] which contribute to cell 

morphology [40,53] and play an active role in cell invasion, (e.g. cancer in vitro) [53–57]. Cell-

matrix interactions can change hydrogel architecture, with diverse outcomes based on the 

polymer type [58,59]. Additional microarchitecture parameters, such as surface topography 

are mostly described in 2D hydrogel-based cell culture models. Topographic stimuli also elicit 

cell adhesion [60], contact guidance [61,62], migration [60], and overall gene regulation 

[61,63,64]. Most methods used in assessing hydrogel microarchitecture can be classified as 

electron-based or photon-based, and are further explained in this work. Accurate rate 

quantification of structural parameters in biopolymer networks is essential to elucidate the 

observed effects of hydrogels on cell biology.  
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Electron-based techniques

Scanning Electron Microscopy 

Scanning electron microscopy (SEM) is the most reported method to characterise 

hydrogel microarchitecture [14,17,35,58,65–72]. This high-resolution imaging tool provides a 

detailed visualisation of the hydrogel surface at the nanometre scale [73]. As its 

name suggests, SEM is an electron-based technique where a high energy beam (aka 

“electron gun”) bombards a metal or carbon-coated specimen with primary electrons, 

causing the emission of secondary and backscattered electrons. Secondary electrons 

highlight the morphology and topography of the specimen while backscattered electrons 

provide contrast between areas of distinct chemical compositions (Figure 1). SEM imaging 

occurs under a high vacuum, as gas presence can attenuate electron beams and stop 

them from scattering [74]. SEM microphotographs of hydrogels are employed to 

determine pore size, pore distribution, porosity percentage, as well as fibre thickness and 

fibre orientation [14,35,58,67–69]. In cell-loaded hydrogels, visualisation of cells is also 

possible [75–78]. Analytical capabilities of SEM can include X-ray based tools such as Energy 

Dispersive X-Ray Spectroscopy (EDX). EDX can detect elements such as C, S, O, N, Na and 

others, present in hydrogels [79–82], and within cells (e.g. P – a marker of DNA) (Figure 2A). 

EDX is particularly useful for the recognition of cells present within hydrogels of marked 

structural heterogeneity (Figure 2B). For more in-depth information on the use of EDX in 

biomedical research and diagnosis, the reader is referred elsewhere [83]. 

SEM-generated data indicate that higher polymer concentrations decrease pore sizes, 

but that cells are capable of modifying such porosity in hydrogels with degradation-

sensitive sites [58]. In hydrogels that depend on functionalised groups to form 

crosslinks, SEM demonstrated that the degree of functionalisation (DoF) has a greater 

influence on pore density, pore size and porosity percentage than polymer concentration 

[84]. For example, high DoF hydrogels have smaller pores than low DoF hydrogels at similar 

polymer concentrations [85,86]. Moreover, both polymer concentration and DoF have a 

direct influence on hydrogel swelling (i.e. water retention) and mechanics [58,69,84].  
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Limitations of SEM arise during the hydrogel preparation steps as visualisation 

requires a dry specimen. Thus, SEM is inherently biased as desiccation will alter the native 

structure. Hydrogel desiccation is commonly achieved by passing a sample through a 

gradation of alcohol dehydration series [15,34,70–72,87] followed by freeze-drying 

[35,58,67,69,71,72] or critical point drying [14,34,87]. Thus, desiccation irreversibly alters the 

microarchitecture leading to an imprecise hydrogel representation [72]. For example, 

collagen-HA hydrogels dried at −20°C, −70°C and –196°C showed variable (mean) pore sizes 

of 230, 90 and 40 μm, respectively [35]. Applying fixatives such as glutaraldehyde [14,87] or 

combined with paraformaldehyde is reported [17,34] in both cell-free and cell-loaded 

materials, but it is not clear to what extent artefacts are prevented. Such artefacts can destroy 

finer features and leach out ions of interest [88]. Hydrogels are non-conductive, requiring 

irreversible carbon or metal coating (e.g. Au-Pd) [14,17,34,35,69,71] that  could conceal finer 

surface details [88]. Despite these drawbacks, SEM data serves as a comparative measure 

when all hydrogels sustain the same systematic processing error. Moreover, SEM specimens 

can be preserved and visualised repeatedly, unlike samples imaged in other electron-based 

techniques such as cryogenic-SEM (Cryo-SEM) or environmental-SEM (ESEM).  
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Figure 1. Electron-based imaging techniques on hydrogels. Standard scanning electron microscopy (SEM) relies on 

sample dehydration, including freeze-drying (shown) after fixation with aldehydes, followed by metal coating. In 

Cryogenic-SEM (Cryo-SEM) samples are vitrified using among other methods a high-pressure freezer (shown). In 

contrast, Environmental-SEM does not require particular sample preparation, as it remains hydrated within a 

humidified chamber. In ESEM the electron gun is closer to the specimen than in SEM or Cryo-SEM during imaging. 

Visualisation of collagen type I hydrogels (3.0 g/l) is shown at 12 000x magnification, 5 kV and Z= 9 mm. Scale bars 

represent 5 µm. 
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Figure 2. SEM-Energy Dispersive X-Ray Spectroscopy (EDX) elemental mapping. Images show Human umbilical vein 

endothelial cells (HUVECs) on the surface of a gelatine methacryloyl (GelMA) hydrogel. A) SEM allows the visualisation 

of cells, while EDX identifies the elements present in both cells and hydrogels. These elements include non-metals such 

as P (a marker of DNA/nuclei), C, S, and N as well as the transition metals used for coating such as Au and Pd. Scale 

bars represent 10 µm and 25 µm. B) In specimens with marked heterogeneity, EDX can confirm the presence of cells 

(Rectangle) that otherwise would not be distinguishable. Additional elements include non-metals (O) and alkali metals 

(Na). Scale bars represent 50 µm and 100 µm. 
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Cryogenic Scanning Electron Microscopy  

Cryo-SEM relies on a standard SEM with a field emission electron gun but employs a 

cryo-transfer system where samples can be coated, fractured and sublimated. In Cryo-SEM, 

samples must undergo vitrification: an ultra-rapid freezing method that prevents water 

crystal formation and generates a glass like-specimen [89]. The most reported method of 

vitrification in hydrogels is by plunge freezing either in liquid nitrogen, liquid ethane, liquid 

propane or nitrogen slush at -137°C [72,90–92]. Post-vitrification metal coating is not deemed 

essential but improves imaging resolution [90]. Specimens can be fractured to visualise the 

inner-most structures and sublimated to remove the top layer of water revealing the 

underlying structures [93]. The fast freezing step preserves biological structures with higher 

fidelity than conventional SEM, rendering Cryo-SEM imaging more factual to evaluate 

hydrogel pore size [90] porosity [94] and fibre diameter (Figure 1) [93,94]. The presence of 

cells can also be detected [95,96]. As in SEM, most limitations of Cryo-SEM arise during the 

sample preparation stage. While in principle, vitrification prevents ice crystallisation, this 

process depends on a high cooling rate which is difficult to achieve in specimens > 10 µm 

thickness. The use of high-pressure freezing (Figure 1), which consists of a stream of liquid 

nitrogen at > 2000 bars (~1.5 x 106 Torr) pressure can reportedly vitrify samples ≤ 500 μm 

thickness at -196°C [89]. A poor cryo-fixation generates hexagonal ice crystals that displace 

the polymer network causing structural damage [90]. Adding cryoprotectants improves the 

vitrification process, although effective concentrations are reported as cytotoxic upon 

prolonged exposure [92]. It is unclear if cytotoxicity would cause any real alterations to cell-

loaded specimens, as this step is performed immediately before freezing. Sublimation 

reportedly caused cracks on the surface of alginate hydrogels [90], and these are likely to occur 

in other polymer networks as well. Slow freezing rates are also reported, while sample 

dehydration and architecture distortion are common artefacts [90,91]. Compared to SEM, 

fewer studies report the use of Cryo-SEM on hydrogels. For a detailed guide on hydrogel 

preparation for Cryo-SEM, the reader is directed to [90]. 
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Environmental scanning electron microscopy 

ESEM is another SEM-based mode, with the particularity that vacuum 

conditions allow the presence of water vapour inside the imaging chamber [74]. In ESEM, 

the electron gun is kept at a short distance from the sample, to reduce vapour interference. 

As secondary electrons are emitted, their collision with gas molecules amplifies signal 

detection. Hence, water vapour not only hydrates the sample but plays a key role in image 

generation [74]. Two modalities of ESEM are available, a wet mode and a low vacuum mode 

[97]. In the wet mode, the vapour pressure remains between 4-6 Torr and the sample is kept 

cool at 5°C. In the low vacuum mode, the pressure within the chamber remains at 1 Torr, 

keeping a 5% relative humidity [98]. These imaging conditions render specimen 

desiccation and metal coating unnecessary. As the specimens remain in their native, 

swollen state, ESEM is regarded as optimal for biological samples (Figure 1) [74,88,99]. 

Resolution limits in ESEM are slightly lower than in SEM (50 nm > 10 nm; respectively), but 

the preservation of the morphological integrity of the specimen is a plus [73,74,88]. The use 

of cross-sections to visualise the internal structure of hydrogels with ESEM is also reported 

[100]. Despite the clear advantages of ESEM compared to the previously mentioned SEM 

modes, some limitations are in place. First, the high humidity in the chamber can cause 

water condensation on the sample surface, impeding visualisation [73]. Due to the 

hydrophilic nature of hydrogels, this is likely to occur. Second, despite the humid conditions 

within the chamber, both the constant voltage and changes in vacuum during imaging will 

invariably induce artefacts [97,101]. Third, imaging must be performed within a 

relatively short time frame (< 45 min), as voltage and vacuum will inevitably alter the 

sample. For this reason, ESEM samples require immediate visualisation, unlike SEM 

specimens that be stored for later imaging. As with Cryo-SEM, ESEM is regarded as 

underutilised for hydrogel imaging [90,97,101,102], demonstrating a relevant gap in our 

knowledge of the microarchitecture of polymer networks in their native wet state.  
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Photon-based techniques

Micro-computed tomography 

Micro-computed tomography (µ-CT) is an X-ray-based scanning imaging tool that 

generates 2D trans-axial projections of a specimen [103,104]. While µ-CT could be classified 

as a photon-based technique, X-rays derive from electron interactions within a high-energy 

electromagnetic beam [105]. In µ-CT equipment, the sample is placed on a rotational stage, 

exposed to an X-ray source and the passing light is captured by an X-ray detector. The 

passing X-rays can be attenuated (i.e. absorbed or scattered) by the sample thickness, 

density and composition, providing phase-contrast among structures and components 

[106]. The µ-CT images can be reconstructed in 3D, with up to 1 μm voxel (3D pixel) 

resolution, deeming this a high-resolution technique. As an X-ray-based imaging method, µ-

CT is historically reported for reconstructing bone microstructure [107–110]. Studies on 

cell-loaded and cell-free hydrogels have used this technique to detect hydrogel 

mineralisation both in vitro and in vivo [111–114]. The µ-CT data can be used to determine 

the pore size, and fibre thickness to reconstruct the polymer network in 3D, 

demonstrating pore interconnectivity [97,115]. Hydrogel degradation tests in vitro 

employing µ-CT demonstrate an increase in pore sizes and porosity percentage [100,116–

118]. While µ-CT is regarded as both non-destructive and non-invasive, exposure to high 

current and voltage levels will invariably dehydrate the sample [119]. High voltage 

levels are common to generate high-resolution images, but are costly and employ 

prolonged imaging time. To prevent structural damage during imaging, some report 

specimen fixation or the use of (freeze-)dried samples [111,117]. Thus, it is not uncommon to 

validate hydrogel µ-CT data using SEM data derived from dry specimens [100,119–121]. 

Other limitations within µ-CT are present, as the hydrophilic nature of hydrogels 

provides low-phase separation contrast (Figure 3) [114]. Radiopaque agents can be coupled 

to the polymer backbone or solubilised and left to soak with the hydrogel to improve said 

contrast [87]. Contrast agents allow to discern between the hydrogel fibres and porosity and 

have been used to investigate hydrogel degradation in vivo and in vitro [122,123]. The use of 

metal nanoparticles (e.g. Au) is also reported to improve hydrogel contrast [114] or to 

visualise the spatial distribution of the cells within.  
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Other limitations include vibrations in the µ-CT’s rotatory stage which can cause 

motion artefacts by displacing the sample if not properly fixed; a common challenge with wet 

materials [119]. In-depth specifications and further limitations of µ-CT found in materials 

research can be found elsewhere [106,119]. 

Figure 3. Photon-based imaging techniques. Micro-CT (µ-CT) employs X-rays, creating contrast based on the material 

properties (e.g. thickness, composition). A GelMA hydrogel scanned with µ-CT is shown in both sagittal and transverse 

planes. a) indicates the PCL container used for casting (2 mm diameter) b) GelMA hydrogel and c) stage holder. Confocal 

laser scanning microscopy (CLSM) employs a laser to excite a fluorophore, which will emit a fluorescent signal used for 

detection. Images of collagen type I hydrogel (3 g/L) are shown in 2D and 3D. The 3D image can be used to determine 

the interconnectivity of the polymer network (Orange/red) using a bubble analysis (Blue). Scale bar represent 5 µm (2D) 

and 10 µm (3D). Second Harmonics Generation (SHG). Example of a cell-loaded (fibroblasts) collagen type I hydrogel is 

shown on day 1 and day 7. The increase in the SHG signal indicates an increase in collagen deposition during cell culture. 

Scale bars represent 50 µm. 
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Confocal laser scanning microscopy 

Confocal laser scanning microscopy (CLSM) is a photon-based fluorescent imaging 

technique. For visualisation, CLSM requires that proteins and structures are stained or 

coupled with fluorophores: organic molecules that can emit light (λem) upon light excitation 

(λex) [124]. CLSM optical resolution is determined by the wavelength of the laser. This 

wavelength is chosen according to the absorption spectra of the fluorophores and multiple 

lasers can be used at the same time or in succession to record multi-colour fluorescent images 

[125]. Unlike conventional fluorescent microscopes that illuminate the entire specimen, CLSM 

uses point illumination, typically a laser beam, and a pinhole in front of the detector to 

eliminate most of the background blur, greatly increasing optical resolution [126]. As only a 

single point of the specimen is illuminated, the samples need to be scanned over a specified 

region to produce 2D or 3D fluorescent images.  

Hydrogels can be fluorescently dyed for CLSM visualisation [53]; although, certain 

polymers are naturally autofluorescent (e.g. chitosan) allowing dye-free imaging [127]. CLSM 

yields high-resolution 2D and 3D images (Figure 3), revealing the polymer network structure 

in great detail, crucial in the determination of pore size and porosity of hydrogels in their 

swollen state (Figure 4) [52–54]. Overall, CLSM agrees with SEM in regards to pore size 

decreasing with increasing polymer concentrations [53]. CLSM images can be segmented into 

a polymer phase and a fluid phase [39] (Figure 3, orange). During analysis, spheres can be 

fitted into the fluid phase (Figure 3, blue), and their diameter is measured to determine the 

pore diameter. Such pore diameter, together with the median values of all the detected pore 

diameters is defined as the pore size of a particular sample [39]. Applying the same principle 

to the polymer phase can determine the average thickness of individual fibres (Figure 4A). 

Additionally, CLSM images can be used to quantify local deviations in structure due to nodes 

formed during the polymerization of collagen I hydrogels. Moreover, data from fluorescently-

labelled collagen I hydrogels showed that fibre diameter and fibre length are heavily 

influenced by pH irrespective of hydrogel concentration. In contrast, pore size remained 

unaffected by pH [53].  
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Data from CLSM on cell-loaded hydrogels can be used to detect local, cell-induced 

microenvironmental changes during migration through an inhomogeneity parameter [52], 

(Figure 1G). This inhomogeneity parameter helped explain differences in cell migration that 

could not be explained using pore size and mechanical properties alone. Therefore, 

elucidating these differences led to significant insights into the role, andadaptation, of the 

microenvironment during cell migration [52]. Manually obtained fibre diameters of a 3.0 g/l 

collagen matrix using electron microscopy (ESEM) images of dried collagen fibres on glass 

and Cryo-SEM images of hydrated 3D networks (Figure 1), show no significant deviation 

from fibre diameters calculated via CLSM, as shown in Figure 4D. 

CLSM has some limitations, the most important being the resolution limit due to

optical diffraction limits. CLSM employs lasers with excitation wavelengths of several 

hundred nanometres and the excited fluorophores commonly emit light at a higher 

wavelength. For example, collagen fibres in polymerized matrices possess a wide range of 

diameters ranging from below 100 nm [128] to nearly 1 µm [53]. Using a λex 561 nm laser 

and recording λem 580 nm, objects as small as 290 nm can be distinguished. Thus, this 

technique must be considered an overestimation as the fibre thickness can be below the 

optical diffraction limit. However, due to multiple post-processing steps, the analysis can be 

considered quasi-pixelwise. Another important consideration is the efficacy of the used 

fluorescent dyes. Poor staining might result in a low signal to noise ratio or even stain a 

hydrogel inhomogeneously, resulting in limitations in dynamic range. Thicker, thus 

brighter, fibres may overlay smaller fibrils, or vice versa larger fibres lose details when 

overexposed. Lastly, the choice of a spherical space estimator might not be suitable for a 

specific problem. For a robust estimate of cell migration, spheres can be considered a 

suitable shape. However, other problems can make it necessary to choose other shapes, such 

as cubes. Fitting shapes into the hydrogel segmentation might be entirely superfluous, and 

polymer content calculations based on the precise segmentation might be a better 

parameter. Additionally, there are mathematical approaches to determine the pore size; 

detailed information about the calculation of such parameters can be found elsewhere [129–

131]. 
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Figure 4: Comparison of microarchitecture parameters among collagen type I hydrogels of 1.5 g/l and 3.0 g/l. A) Fibre 

thickness, B) Pore size C) Inhomogeneity derived from CLSM data. D) Comparison of pore diameter among CLSM, 

ESEM and Cryo-SEM of collagen type I hydrogels (3.0 g/l). These data indicate a similar fibre diameter among 

techniques. 

Second Harmonic Generation 

Higher-order assembly of structural elements (fibrils and fibres) within 

hydrogels can be examined using non-destructive laser-scanning optical multiphoton 

microscopy methods [132]. Such techniques are non-linear optical methods that employ 

femtosecond pulses from near-infrared (NIR) lasers, which enables the ability to examine 

samples with deeper tissue penetration, in comparison to CLSM [133]. The interaction 

of the femto-second pulsed NIR light with collagen fibres produces second 

harmonic generation (SHG) and two-photon excited fluorescence (TPF) signals 

[134]. The non-absorptive photon interaction with the collagen fibres produces 

photons with exactly twice the original energy, resulting in an SHG signal that is 

emitted at exactly half the excitation wavelength. The output signal is dependent on the 

non-centrosymmetric assembly of the collagen triple helices (secondary structure) and 

also the molecular packaging and arrangement of the fibrils (tertiary structure) 

and the organization of the fibres (quaternary structure) [135]. The TPF signal, on the 

other hand, is generated through an absorptive process that results from the 

excitation of inherent fluorophores within the collagen structure (intramolecular 

pyridinium-type crosslinks and other fluorophores of an unknown nature) [136].  
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These SHG signals are generated through the specific structural organization of 

collagens, and as such, they do not capture information about other mechanically and 

structurally important elements with the matrix, such as elastin, proteoglycans and other non-

collagenous components. The big advantage of SHG microscopy is that the signals are 

generated by the macromolecules thus obviating the need to stain with fluorophores. SHG 

has been used to characterize the fibre structural arrangement in collagen hydrogels up to a 

depth of 1mm [132,135], and fibre arrangement, orientation, thickness and anisotropy have 

been assessed within hydrogels [137]. Different structural features in collagen hydrogels, of 

constant concentration, that were polymerized under varying pH or temperature conditions 

can be detected using SHG imaging [135,138]. The measured fibre diameters from SHG 

images correlate linearly with those from SEM images of the same preparations, although the 

SEM calculated diameters are usually smaller due to the dehydration during sample 

preparation [132]. The signal-to-noise ratio for SHG is higher than seen with TPF, likely due 

to the quadratic signal for SHG versus the direct concentration dependence for the TPF signal, 

coupled with the weak autofluorescent signal from immature, weakly cross-linked collagen 

and potentially other ECM molecules when they are present.  This means that homogeneous 

and incoherent signal emissions can be seen for all fibre orientations using TPF, however, the 

coherent nature of the SHG signal prevents emission detection when the collagen fibres are 

orientated parallel to the laser direction [139]. The SHG and TPF signals can provide different 

information about the structural properties of the collagen hydrogels e.g. heavily cross-linked 

collagen in fibrotic tissue and newly deposited collagen. When collagen hydrogels are 

polymerized under decreasing temperature a relationship between the SHG signal and the 

mechanical properties of the hydrogel emerges. As the polymerization temperature decreases 

the collagen fibre diameter and the pore size detected increases, while the storage modulus 

G’ and the mean SHG signal decrease. When the crosslinking within the hydrogel is altered 

using glutaraldehyde the SHG signal does not change, however, the TPF signal and the 

storage modulus increase in line with the degree of crosslinking [135]. These data indicate 

that the SHG and TPF signals impart different information about the characteristics of the 

collagen hydrogels that correlate with the hydrogel mechanical properties.  
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Detection of forward versus backward SHG signal can provide additional 

information related to the organisation of collagen fibres [140]. Collagen fibres of 

approximately the same size as the SHG wavelength generate a signal exclusively in the 

forward direction [133,134,137,141]. While sites where the fibre thickness changes or at fibre 

interfaces can change the direction of the SHG emitted signal and generate a backward 

signal [142]. In cell-free collagen hydrogels any backward detected SHG signal is the result 

of scattering of the forward SHG signal, with a small component from backwards-generated 

SHG generated from small fibrils (diameters ~10% of λ2ω). In collagen hydrogels generated 

at 27oC the degree of backscattering of the SHG signal to the forward detector increases as 

the starting hydrogel concentration increases, while for hydrogels assembled at 37oC the 

degree of backscattering is much less, reflecting the shorter more uniform collagen fibre 

assembly [132]. 

SHG signals can also be used to investigate how cells remodel their immediate 

microenvironment when seeded in collagen hydrogels. Cells seeded in collagen hydrogels 

will remodel and contract the hydrogel, altering the collagen structure [59,143,144].  The 

SHG signals indicate that the distinct collagen microstructural properties are still present 

within the hydrogel even after the gel has contracted, with the signal intensity increasing 

linearly, reflecting the increased collagen concentration as the hydrogels contract [144]. 

Over time cells can remodel the collagen environment within the hydrogels. The SHG 

signal indicates that pore size reduces as the collagen (and presumably other ECM 

components) bundles become larger. SHG has also been used to investigate collagen 

remodelling and the role of enzymes released from the cells in crosslinking collagen 

fibres [145]. Newly deposited collagen fibres by cells encapsulated in alginate 

hydrogels are also readily visualized by SHG [146].
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Atomic Force Microscope 

Atomic force microscopy (AFM) commenced as a device capable of measuring forces as 

small as attonewtons [147]. This technique was advanced to record surface height maps on 

the atomic level resulting in precise measurements of the surface topology of soft samples  

[148]. This method is also called Scanning Force Microscope (SFM) [149]. Eventually, it 

became an invaluable tool in biophysics [150] to quantify not only surface topology but also 

the mechanical properties through mathematical modelling of the force-distance curves 

[149] [142]. Hence, AFM can determine cell elasticity [57] and elastic moduli of hydrogels

[52].

AFM can also include phase separation analysis, to distinguish between the 

distribution of different polymers in co-polymer hydrogel formulations (i.e. more than 

a single polymer type in a single hydrogel) [103].  

The AFM working principle is illustrated in Figure 4A-C. AFM can also determine 

the elastic properties of soft matter, such as hydrogels [53] (Figure 4D), by fitting the 

cantilever-derived curves (Figure 4E) in different models (e.g. the Hertz model) to calculate 

the elastic modulus of the hydrogel [52,57], such as collagen type I (Figure 4F). Hence, the 

AFM not only serves to characterise the surface topology of a hydrogel but also to 

determine its Young’s modulus. However, using the AFM technique to determine elastic 

moduli of hydrogels also has limitations. Depending on the actual stiffness of the material, a 

cantilever with a certain spring constant must be chosen. For example, using a stiff 

cantilever to probe a soft material will result in a poor signal-to-noise ratio, while using a 

soft probe for a soft material leads to an optimal signal to noise ratio. Vice versa, a soft 

cantilever might not indent a stiff material. Depending on the type of hydrogel, the AFM 

technique can be difficult or even impossible to be carried out. Spheroidal probes might 

stick to the material, resulting in artefacts, disrupted force-distance curves, or even 

damaged cantilevers. If the cantilever probe is much smaller than the pore size of the 

hydrogel, it might get stuck in the fibrous network structure. However, a larger and 

heavier spheroid influences the spring characteristics of the cantilever. Lastly, the AFM 

device, in general, is prone to errors due to vibrations, resulting in signal noise and 

ultimately uncertainties in the Hertz model fit. Usage of vibration dampeners and casings 

drastically reduce vibrations and are highly recommended. These limitations must be 

carefully considered to choose the correct settings to obtain precise measurements. 
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Figure 5: Atomic force microscopy (AFM). A) Equipment; B) Schematic of an AFM setup with a four-quadrant 

photodiode (1); four-quadrant photodiode (1) receiving a laser (2) reflected from a cantilever (3), in this case, positioned 

over a hydrogel (4) mounted in a piezo stage (5). For example, height differences of a sample (4) are measured by 

adjusting the stage using piezo elements (5) to counter the cantilever bending on a nanometre scale. C) The AFM can 

then generate a surface height map of hydrogels, such as a GelMA hydrogel (shown).  AFM can also be used to determine 

the mechanical properties of hydrogels. D) Schematic of AFM technique to determine elastic moduli of hydrogels with 

a tipless cantilever (1), spheroidal probe (2; red), hydrogel (3) and stiff substrate (4). As the cantilever represents a spring 

with a known spring constant, the cantilever bending due to elastic counterforces exerted by the soft material is 

correlated with the piezo stage height (4). E) The so-called force-distance curves are recorded. Data from a collagen type 

I hydrogel (3.0 g/L) is shown. F) Young’s moduli of 1.5 g/l and 3.0 g/l collagen type I hydrogel. 
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Conclusions 

Mimicking the ECM through the use of hydrogels is an experimental model of 

increasing interest. In this review, we have highlighted specific considerations that should be 

taken into account when it comes to the characterization of biopolymer networks. Firstly, 

most of the characterization thus far has been performed on cell-free hydrogels, thus we lack 

an overview of the cell-induced modifications of hydrogels over time.  Secondly, the 

hydrophilic nature of hydrogels poses a real challenge for the characterisation of their 

microarchitecture, topography, and even other properties such as stiffness and viscoelasticity 

[90].  Thirdly, many of the described techniques are considered non-destructive, but on closer 

inspection, this only applies during the test phase and not to sample preparation, which can 

often lead to significant changes in the materials. Finally, the limitations reported here are not 

solely technical, but also pertain to inconsistent interpretation and reporting of the applied 

parameters [107,151]. There is a clear need to standardise the minimum reporting criteria 

employed for data acquisition. So far, the absence of clear concept definitions, alongside 

poorly described methods, hurts experimental reproducibility. Adequate reporting, as well 

as the development of novel biophysical tools, will lead to a deeper understanding of the role 

of microarchitecture within cell-matrix biology in hydrogel systems. 
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Abstract 

The proteins and polysaccharides of the extracellular matrix (ECM) provide 

architectural support as well as biochemical and biophysical instruction to cells. 

Decellularised, ECM hydrogels replicate in vivo functions. The ECM’s elasticity and water 

retention render it viscoelastic. In this study, we compared the viscoelastic properties of ECM 

hydrogels derived from the skin, lung and (cardiac) left ventricle and mathematically 

modelled these data with a generalised Maxwell model. ECM hydrogels from the skin, lung 

and cardiac left ventricle (LV) were subjected to a stress relaxation test under uniaxial low-

load compression at a 20%/s strain rate and the viscoelasticity was determined. Stress 

relaxation data were modelled according to Maxwell. Physical data were compared with 

protein and sulphated GAGs composition and ultrastructure SEM. We show that the skin-

ECM relaxed faster and had a lower elastic modulus than the lung-ECM and the LV-ECM. 

The skin-ECM had two Maxwell elements, the lung-ECM and the LV-ECM had three. The 

skin-ECM had a higher number of sulphated GAGs, and a highly porous surface, while both 

the LV-ECM and the lung-ECM had homogenous surfaces with localised porous regions. Our 

results show that the elasticity of ECM hydrogels, but also their viscoelastic relaxation and 

gelling behaviour, was organ dependent. Part of these physical features correlated with their 

biochemical composition and ultrastructure.  
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Introduction 

The extracellular matrix (ECM) is the acellular component of all organs and tissues: a 

three-dimensional (3D) mixture of proteins embedded in a gel of water-retaining negatively 

charged polysaccharides such as glycosaminoglycans (GAGs) [1]. While the ECM 

composition is tissue-specific, its components and organisation can vary among structures 

within the same organ [2,3]. The ECM guides cell fate and provides mechanical support to the 

cells embedded within [4,5]. 

Historically, ECM mechanics were solely evaluated in terms of elasticity (i.e., elastic 

modulus often denoted by E, and also called stiffness)—the resistance of an object to 

undergo reversible deformation (strain, ε) in response to applied force (Stress, σ) [6,7]. In 

purely elastic materials, the mechanical energy is stored as strain and the elastic modulus 

remains strain-rate independent [8]. Strain rate (ε⋅) is the speed with which a material is 

compressed. Due to variations in ECM composition and organisation, the response to 

mechanical stress and strain differs among organs [9]. Nevertheless, more recent studies 

have shown that due to a large water content, the ECM is not elastic but viscoelastic in 

nature [7,10,11], where viscosity plays an active role in matrix mechanics [7]. Viscosity is a 

material property that arises from the resistance of a fluid to deformation. The combination 

of both elastic and viscous responses leads to a time-dependent stress dissipation (i.e., stress 

relaxation), a phenomenon known as viscoelasticity [8]. Unlike purely elastic materials that 

store and retain energy, a viscoelastic material will dissipate energy in the presence of stress 

over time, making the elastic modulus strain rate dependent. Thus, viscoelasticity is an 

inherent property of the ECM, that has only recently been recognised within biological 

systems [7,10,11]. 

The common in vitro systems to mimic in vivo ECM are hydrogels: water-

swollen polymeric networks [12,13,14,15]. The viscoelasticity of hydrogels is tailored by 

varying the type and molecular weight of the constituent polymers, their 

concentration, and the crosslinking conditions (e.g., temperature, pH) [16,17,18,19,20]. 

Using hydrogels as ECM mimics illustrates that the cells perceive the surrounding 

viscoelasticity by applying a pushing or pulling force and sensing the time-dependent 

deformation response from the environment [10,21]. 

https://www.mdpi.com/2073-4360/13/18/3113/htm#B6-polymers-13-03113
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Hydrogels can be prepared from individual ECM components such as collagen, elastin 

or non-sulphated GAGs such as hyaluronic acid [18,19,22,23]. These homopolymeric 

hydrogels demonstrate the influence of individual matrix components in fundamental aspects 

of cell biology [18,19].  

While collagen and elastin are the major load-bearing and elastic ECM components, 

other molecules, such as GAGs, hold on to water and play a role in matrix mechanics by 

offering resistance to the mobility of water within the ECM [24]. The main role of GAGs in 

ECM mechanics is that of lubrication and stress absorption. While homopolymeric networks 

demonstrate the contribution of individual components in matrix-cell biology, a factual 

representation of matrix viscoelasticity requires the presence of the native, heterogeneous 

components from the ECM. Thus, using organ-derived ECM might provide a biomimetic 

model that, due to their source, retains native ECM components involved in matrix mechanics 

[25]. 

We set out to compare three organs that are continuously subjected to 

mechanical forces but differ in function, i.e., the skin, lung and left ventricle (LV) of the 

heart. Skin is pliable and deformed due to body movement, while the lungs undergo 

inflation/deflation cycles via the action of the diaphragm and compression of the chest. 

Finally, the heart is a continuously beating muscle. The molecular composition of the ECM 

shares the presence of collagen type I, while organ-specific differences exist that relate to 

the function of the skin, lung and LV. We hypothesised that the composition and 

architecture of the ECM of skin, lung and LV dictates their mechanical properties in 

particular viscoelasticity. We set out to test this hypothesis using hydrogels from 

decellularised skin, lung and LV. 

Materials and Methods 

Decellularisation  

Porcine skin, lungs and hearts (~6-month, female) were purchased from a local 

slaughterhouse (Kroon Vlees, Groningen, the Netherlands). The heart and skin 

were decellularised as described previously [26]. The lung was decellularised as 

described by Pouliot et al. [27] with the exception that in this case the lungs were finely 

blended prior to decellularisation. 

https://www.mdpi.com/2073-4360/13/18/3113/htm#B18-polymers-13-03113
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The dissected LVs from pig heart and skin were dissected into 1 cm3 cubes. The 

tissues were washed with 1x Dulbecco’s phosphate-buffered saline (DPBS; 

BioWhittaker®, Walkersville, MD, USA) at room temperature (RT) and then minced in a 

commercial Bourgini 21.3001 blender (Bourgini, Breda, the Netherlands) with DPBS until the 

pieces were ~1 mm3 in size. After a second DPBS wash, the tissue homogenate was 

sonicated for 1 min at 100% power.  After sonication, the tissue homogenate was washed 

with DPBS again and incubated in 0.05% trypsin (Thermo Fisher Scientific, Waltham, MA, 

USA) at 37 °C for 3 h under constant shaking. After trypsin treatment, tissue material was 

washed again with DPBS and frozen at 20 °C for at least 24 h. 

   The homogenate was thawed, washed with Milli-Q® water for 3 h and then 

sequentially treated with saturated NaCl (6 M) solution, 70% ethanol, 1% SDS solution 

(Sigma-Aldrich, St. Louis, MO, USA), 1% Triton X-100 (Sigma-Aldrich), 1% sodium 

deoxycholate (Sigma-Aldrich) and 30 µg/mL DNase (Sigma-Aldrich) (in MgSO4 1.3 mM and 

CaCl2 2 mM), with three washes with Milli-Q® water between treatments, 24 h each at RT 

with constant shaking, except for the enzymatic treatments, which were at 37 °C while 

shaking. The resultant decellularised ECM was stored in sterile DPBS containing 1% 

penicillin-streptomycin (Gibco Invitrogen, Carlsbad, CA, USA) at 4 °C. 

       The lung was dissected, and the cartilaginous airways removed before cutting into 

~1 cm3 cubes and minced until it was ~1 mm3 in size with a commercial blender. 

The resulting tissue homogenate was then repeatedly washed with Milli-Q® water and 

spun down at 3000× g until the supernatant cleared completely.  

       The remaining tissue homogenate went through two rounds of sequential treatment 

with 0.1% Triton X-100, 2% sodium deoxycholate, 1 M NaCl solution and 30 µg/mL DNase 

in 1.3 mM MgSO4 and 2 mM CaCl2, 10 mM Tris pH 8 (Sigma-Aldrich) solution each for 24 h 

at 4 °C with constant shaking, except for the enzymatic treatments, which were at 37 °C with 

shaking. Between treatments, the homogenate was washed three times with Milli-Q® water, 

centrifuged at 3000× g between washes. After two cycles of decellularisation, the tissue 

homogenate was sterilised by adding 0.18% peracetic acid and 4.8% ETOH, and left shaking 

at 4 °C for 24 h. After tissue sterilisation, the resultant decellularised ECM was stored in 

sterile DPBS containing 1% penicillin-streptomycin at 4 °C (Figure 1a). 

https://www.mdpi.com/2073-4360/13/18/3113/htm#fig_body_display_polymers-13-03113-f001
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Figure 1. Methods. (a) Decellularisation and hydrogel formation of skin-ECM, lung-ECM and LV-ECM (b) Low-load 

compression testing at 20% strain for 100 s. The data analysed with a generalised Maxwell model of viscoelasticity. The 

number of Maxwell elements were determined based on curve-fitting the stress relaxation data (Relaxation modulus; 

Pa). The figure shows skin-ECM data, where two Maxwell elements were sufficient to explain their viscoelasticity, 

confirmed by the decrease in Chi2. (c) Scanning electron microscopy (SEM). All hydrogels were fixed for 24 h in 2% 

glutaraldehyde and 2% paraformaldehyde (1:1 ratio) at 4°C, freeze-dried for 24 h, metal coated and visualised with SEM. 

(d) Protein and sulphated glycosaminoglycans (sGAGs) quantification with Lowry and DMMB assays. (e) Histology and 

Immunohistochemistry. Hydrogels were fixed for 24 h in 2% formalin, processed conventionally with a graded ethanol 

series for dehydration, paraffin-embedded and sectioned. Sections (5µm) were stained with Alcian Blue, Picrosirius Red 

(PSR) and Masson’s Trichrome (MTC) as well as immune stained for collagen type I (COL1A1) and Elastin and scanned 

with a Hamamatsu section scanner (Figure created with BioRender). 
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Hydrogel preparation 

The blended, decellularised skin-ECM, lung-ECM and LV-ECM were snap-frozen in liquid 

nitrogen and lyophilised with a FreeZone Plus lyophiliser (Labconco, Kansas City, MO, USA) and 

then ground into a powder with an A11 Analytical mill (IKA, Staufen, Germany). Then, 20 mg/mL 

of ECM powder was digested with 2 mg/mL porcine pepsin (Sigma-Aldrich) in 0.01 M HCl under 

constant agitation at RT either for 8 h (LV-ECM) or 48 h (lung-ECM and skin-ECM) (Figure 1b). 

After digestion, the pH was neutralised with 0.1 M NaOH and brought to 1× DPBS with one-tenth 

volume 10× DPBS to generate the so-called ECM pre-gel solution. For hydrogel formation, pre-gel 

from each organ-derived ECM was poured in a mould and incubated at 37 °C for 1 h (Figure 1a). 

After gelation, the hydrogels were equilibrated in HBSS medium (Lonza, Bazel, Switzerland) and 

incubated for 24 h prior to experiments. 

Turbidity assay 

The gelling kinetics of skin-ECM, lung-ECM and LV-ECM hydrogels were analysed 

with a turbidimetric assay [28,29,30]. The ECM pre-gel solutions were pipetted (150 µL) into 

a precooled (4 °C) 96-well plate (Corning Inc., Corning, NY, USA). The cooled 96-well plate 

containing the pre-gels was loaded into a pre-heated (37 °C) CLARIOstar Plus multi-mode 

microplate Reader (BMG Labtech, Ortenberg, Germany), and the absorbance measured at 405 

nm with 30-second intervals for 2 h. Absorbance values were normalised with the following 

formula:  

𝑁𝐴 =
(𝐴−𝐴min)

(𝐴max−𝐴min)
 𝑥 100%     (1) 

where NA is the normalised absorbance, A is the absorbance at any given time, Amin is 

the lowest observed absorbance and Amax is the maximal absorbance. The normalised curves 

were plotted to start from gelation, omitting the lag time. From the sigmoidal-shaped turbidity 

curves, we calculated the following kinetic parameters: Amin and Amax, Tlag (the time value at 

which the normalised absorbance is 0), T1/2 (the time at which the normalised absorbance is 

50%), Tend (the time at which the normalised absorbance is 100%) and S (the slope of the linear 

portion of the curve), indicating the speed of gelation. Three independent turbidity 

measurements were performed with three replicates each (n = 3). 
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Viscoelastic properties 

The elastic modulus and stress relaxation properties of skin-ECM, lung-ECM and LV-

ECM hydrogels were evaluated on the Low-Load Compression Tester (LLCT) as described 

previously [26,31,32]. Data were acquired with LabVIEW 7.1, and subsequently analysed with 

MatLab 2018 (MathWorks® Inc., Natick, USA). Hydrogels (300 µL) underwent uniaxial 

compression with a 2.5 mm diameter plunger at three different locations, leaving 2 mm from 

the edge and 2.5 mm between each compression site. When compressed, each hydrogel 

reached 80% of its original thickness (i.e., strain, ε = 0.2) at a strain rate of 0.2 s−1 (or a 

deformation rate of 20% s−1) at room temperature (≅25 °C). The elastic modulus was 

determined as the slope between the stress–strain curve. 

After compression, the strain was kept constant (0.2) for 100 s, and the stress was 

continuously monitored. The time to reach 50% stress relaxation was determined by 

comparing the stress relaxation percentage at t = 0 s and t = 100 s. The relaxing stress as a 

function of time (σ(t)) was divided by the constant strain of 0.2 to obtain the value of 

continuously decreasing modulus E(t). Data were acquired according to a generalised 

Maxwell model, Equation (2), to calculate the values of Ei and τi for individual Maxwell 

elements, where i varies from 1 to n. The τi is the relaxation time constant for each individual 

Maxwell element and is the ratio of ηi (dashpot) and Ei (spring) for that element (Figure 1). 

The number of Maxwell elements necessary to fit the experimental data were determined by 

visually fitting a plot that shows the decrease in Χ2 value with the addition of every extra 

Maxwell element (Figure 1b). The required number of Maxwell elements were chosen when 

no further decrease in Chi2 was observed (Figure 1b). 

𝐸(𝑡) = 𝐸1𝑒−𝑡/𝜏1  + 𝐸2𝑒−𝑡/𝜏2  +  𝐸3𝑒−𝑡/𝜏3  + … 𝐸𝑛𝑒−𝑡/𝜏𝑛   (2) 

The relative importance (Ri) of each Maxwell element in terms of percentage within 

the relaxation process was expressed as the proportion of its spring constant, Ei, to the sum of 

all spring constants Equation (3). 

𝑅𝑖 =  100 𝑥 
𝐸𝑖

∑ 𝐸𝑖
𝑛
𝑖=1

 (3) 
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Protein quantification 

Total protein content was quantified with a Pierce™ Modified Lowry Protein Assay 

Kit (Thermo Fisher Scientific). For this, 2 µL of pre-gel solution was diluted in 38 µL of 1x 

DPBS and transferred to a well in a non-adhesive Costar® 96-well plate (Corning Inc., 

Kennebunk, ME, USA). Next, 200 µL of modified Lowry protein assay was added per well 

before incubation at RT for 10 min. Fresh 1 N Folin-Ciocalteu’s phenol reagent was prepared 

by diluting 2 N Folin-Ciocalteu’s phenol reagent with an equal volume of Milli-Q® water and 

20 µL of this solution was added per well and incubated at RT for 30 min. The absorbance 

was read at 750 nm with Benchmark Plus™ microplate spectrophotometer system (Bio-Rad, 

Hercules, CA, USA). The protein concentration was determined based on a calibration curve 

derived from a dilution series of bovine serum albumin (Thermo Fisher Scientific). DPBS 

served as absorbance blanks. The protein concentration (µg/mL) from each organ-derived 

ECM was calculated from four independent experiments each performed in triplicate (Figure 

1d). 

Sulphated glycosaminoglycans (sGAGs) quantification 

Total sGAGs content was quantified with a 1,9-Dimethyl-Methylene Blue zinc chloride 

double salt (DMMB) assay based on reported protocols [26,33,34]. For this, 20–25 mg of ECM 

powder was incubated in 300 µL of 75 mM NaCl, 25 mM EDTA, 50 µL of 10% SDS, and 5 µL 

of proteinase K (19.9 mg/mL) (Thermo Scientific) at 60 °C overnight. Next, 20 µL of digested 

organ-derived ECM was mixed with 200 µL of DMMB solution (comprising 19 mg DMMB in 

40 mM Glycine, 38 mM NaCl, 100 mM acetic acid pH 3) and the absorbance read at 525 nm 

immediately. Serial dilutions of chondroitin sulphate (Sigma-Aldrich) were used for the 

calibration curve, and the absorbance blank corrected with DMMB solution. The total sGAGs 

content (µg/mL) from each organ-derived ECM was calculated from four independent 

experiments each performed in triplicate (Figure 1d). 
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Histological characterisation 

Hydrogels were fixed with 2% formalin for 24 h at 4 °C. All samples were 

conventionally processed for histology using a graded alcohol to dehydrate and paraffin-

embedded. Sections of 4 µm thickness were deparaffinised and stained with Alcian Blue (pH 

2.5) to visualise GAGs [35] and Masson’s Trichrome (MTC) and Picrosirius Red (PSR) to 

visualise collagens [36,37], following the previously cited protocols. Slides were covered with 

Permount™ Mounting Medium (Fisher Chemical™, Waltham, MA, USA) (Figure 1e). 

Analyses derived from histology staining are detailed in Section 2.9. 

Immunohistochemistry 

Sections (4 µm) were deparaffinised and incubated with citrate buffer for 

antigen retrieval. After blocking to prevent non-specific background staining, sections were 

incubated with 1 µg/mL of mouse anti-human COL1A1 (Abcam, Cambridge, UK) or 1 µg/

mL of goat anti-human elastin (Cedarlane, Burlington, VT, USA), respectively, at 4 °C, 

overnight. After 3 DPBS washes, sections were incubated with a 1:100 dilution of an anti-

mouse horse radish peroxidase conjugate (Dako, Santa Clara, CA, USA) or a 1:100 

dilution of an anti-goat horse radish peroxidase conjugate (Dako) at RT for 1 h. The 

staining was then visualised with Vector® NovaRED™ (Vector Laboratories, 

Burlingame, USA). Slides were counterstained with Hematoxylin and covered with 

Permount® mounting media (Figure 1e). 

Imaging and image analysis 

All stained sections were scanned with a Slide Scanner (Hamamatsu Photonics K.K., 

Herrsching, Germany) at 20× magnification (Figure 1e). PSR fluorescent images (PSR-fluo) 

were generated with Zeiss LSM 780 CLSM confocal microscope (Carl Zeiss NTS GmbH, 

Oberkochen, Germany), λex 561 nm / λem 566/670 nm at 40× magnification [38]. COL1A1, 

Elastin scans and PSR-fluo images were analysed with TWOMBLI, an ImageJ/Fiji [39] plugin 

to quantify patterns in ECM [40]. Before analysing the COL1A1 and elastin, the Vector® 

NovaRED™ colour was isolated from the images using a colour deconvolution plugin [41].  

The images with only Vector® NovaRED™ colour were subsequently used for 

the analysis. TWOMBLI was used to determine the number of fibres, endpoints, branching 

points, total fibre length and alignment, lacunarity (number and size of gaps in the matrix) 

and high-density matrix proportion (measure for compactness of matrix). 
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Hydrogel ultrastructure

Hydrogel ultrastructure was visualised with scanning electron microscopy (SEM). 

First, all hydrogels were fixed with a 1% paraformaldehyde, 1% formalin at 4 °C for 24 h. 

Then, the hydrogels were washed three times with DPBS and once with Milli-Q® water to 

remove any remaining fixatives and salts. The hydrogels were plunged in liquid nitrogen and 

freeze-dried. Dried samples were glued on top of 0.5” SEM pin stubs (Agar Scientific, 

Stansted, UK) and Au-Pd coated after rinsing with Argon with Leica EM SCD050 sputter 

coater device (Leica Microsystems B.V., Amsterdam, Netherlands). Hydrogels were 

visualised at 5000× and 10,000× magnification, at 3.0 kV with Zeiss Supra 55 STEM (Carl Zeiss 

NTS GmbH) (Figure 1c). 

Statistical analysis

All statistical analyses were performed using GraphPad Prism v9.1.0 (GraphPad 

Company, San Diego, USA). All data were scrutinised for outliers using the robust 

regression and outlier removal (ROUT) test and analysed for normality using 

Shapiro–Wilk and D’Agostino and Pearson tests [42,43,44]. Based on this, LLCT data 

were analysed with Kruskal–Wallis and Dunn’s post hoc test and with one-way ANOVA 

and Tukey’s post hoc test. Lowry, TWOMBLI and turbidity data were also analysed with 

one-way ANOVA and Tukey. DMMB data were analysed with Student’s t-test. Graphs are 

presented as median with quartiles or mean values with standard deviation (SD). All p 

values below * 0.05; ** 0.01; *** 0.001 and **** 0.0001 were considered statistically significant. 
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Results

Turbidity 

Measuring the gelation kinetics of ECM hydrogels using turbidimetric analysis 

is based on the increased turbidity during gelling, i.e., increased absorbance. 

The quantitative breakdown of the following parameters from these curves: Amin, Amax, Tlag, 

T1/2, Tend and S, is shown in Table 1. 

Table 1. All data is shown as mean ± standard deviation (S.D.). Statistical differences between (a) skin-ECM, (b) lung-

ECM and (c) LV-ECM are highlighted and their significance shown: *p < 0.05; **p < 0.01; ***p < 0.001 and ****p < 0.0001; 

according to one-way ANOVA and Tukey after robust regression and outlier removal (ROUT). 

All the organ-derived ECMs gelated in a sigmoidal pattern that started after a lag 

period of 10–13 min (Figure 2). The minimum and maximum absorbance (Amin and Amax) 

remained highest in the skin-ECM, while the lung-ECM and the LV-ECM were lower and 

comparable. The skin-ECM sol-gel transition was faster than the lung-ECM and the LV-ECM. 

The total gelling time (Tend) was, therefore, the shortest in the skin-ECM, followed by the LV-

ECM and finally the lung-ECM (Figure 2, Table 1). 

Organ 

ECM 

Amin Amax Tlag  

(min) 

T1/2 

 (min) 

Tend 

(min) 

S  

(%/min)  

Skin 2.3 ± 0.2****b  3.5 ± 0.0****b  13.1 ± 2.9  12.2 ± 2.9****b  16.9 ± 3.2****b  5.3 ± 0.8****b  

Lung 1.0 ± 0.1****c  1.4 ± 0.2****c  10.4 ± 4.7  43.2 ± 16.8****c  94.1 ± 11.7*c  1.2 ± 0.3  

LV 1.5 ± 0.1****a 1.8 ± 0.2****a  10.9 ± 6.5  20.9 ± 4.3**a  75.7 ± 17.5****a  1.5 ± 0.6****a 
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Figure 2. Turbidity of skin-ECM, lung-ECM and LV-ECM hydrogels. (a) Turbidity data (mean and S.D.) at every 10 

min; (b) Normalised absorbance from the start of gelation. All data derived from a minimum of three 

independent experiments performed in triplicates. Data are presented as mean with SD. 

Elastic modulus and stress relaxation 

The elastic modulus of skin-ECM (1.66 ± 0.82 kPa) was lower than lung-ECM (4.98 ± 

1.81 kPa) and LV-ECM (4.38 ± 1.73 kPa) (Figure 3a). The time to reach 50% stress relaxation 

was fastest in skin-ECM (5.16 ± 4.57 s), compared to lung-ECM (49.40 ± 4.35 s) and lastly LV-

ECM (51.63 ± 1.18 s). The elastic modulus or stress relaxation of LV-ECM and lung-ECM did 

not differ (Figure 3b; 3c).  

Figure 3. Viscoelastic properties of skin-ECM, lung-ECM and LV-ECM. (a) Elastic modulus; (b) Time to reach 50% stress 

relaxation; (c) Average stress relaxation normalised to start from 100%. All data derives from a minimum of three 

independent experiments performed in triplicates from low-load compression testing at 0.2 strain. Data are presented 

as mean with SD. Statistical differences according to one-way ANOVA and Dunn’s post hoc test. 
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Maxwell analysis 

Maxwell analysis showed differences in the relative importance (Ri) and the time each 

Maxwell element remains active (tau; τ) among organ-derived ECM hydrogels.  

The fastest or first (1st) Maxwell element, had a greater Ri in skin-ECM (66.42 ± 9.07%), 

than both lung-ECM (53.02 ± 3.39%) and LV-ECM (53.48 ± 4.72%). The intermediate or second 

(2nd) Maxwell element, had also a greater Ri in skin-ECM (33.58 ± 9.07%) than in LV-ECM (28.61 

± 0.94%). The slow or third (3rd) Maxwell element was not detected in skin-ECM but had lower 

Ri in lung-ECM (16.29 ± 2.15 s) than in LV-ECM (19.05 ± 3.29 s) (Figure 4a). 

The τ1 from the 1st Maxwell element remained active for less time in skin-ECM (0.26 ± 

0.08 s) than in lung-ECM (0.33 ± 0.07 s) and LV-ECM (0.34 ± 0.06 s). The τ2 was also active for 

a shorter time in skin-ECM (2.63 ± 2.25 s) than in lung-ECM (3.88 ± 1.60 s) and LV-ECM (4.78 

± 1.35 s). No differences were found between τ3 of lung-ECM (40.41 ± 21.33 s) and LV-ECM 

(51.24 ± 18.14 s) (Figure 4b). 

Figure 4. Maxwell analysis of skin-ECM, lung-ECM and LV-ECM viscoelasticity. (a) Relative importance of 1st, 2nd and 

3rd Maxwell elements; (b) Tau (τ) of 1st, 2nd and 3rd Maxwell elements reported in seconds (s). All data derives from a 

minimum of three independent experiments performed in triplicates. Data are presented as mean with SD. Statistical 

differences according to one-way ANOVA and Tukey (1st and 2nd Maxwell Elements) and Student’s t-test (3rd Maxwell 

Element). 



|     Architecture and composition dictate viscoelastic properties of organ-derived 

extracellular matrix hydrogels 

75 

Protein and sGAGs content 

The protein contents of pre-gels of skin-ECM (973 ± 207 µg/ml) lung-ECM (1029 ± 154 

µg/ml) and LV-ECM (912 ± 98 µg/ml) did not differ (Figure 5a). Pre-gels of skin-ECM (202 ± 

39 µg/ml) had significantly higher sGAGs contents than LV-ECM (11 ± 10 µg/ml). In lung-

ECM, sGAGs were below detection limit of the DMMB assay Figure 5b). 

Figure 5. Quantification of protein and sulphated GAGs (sGAGs) of organ-derived ECM. (a) Protein content (µg/ml) of 

skin-ECM, lung-ECM and LV-ECM according to Lowry assay; (b) sGAGs content (µg/ml) skin-ECM and LV-ECM and 

according to DMMB assay. No sGAGs were detected in lung-ECM. All data derives from four independent 

experiments performed in triplicates. Data are presented as mean with SD. Mean values per experiment (n= 4) are also 

shown. Lowry data analysed with one-way ANOVA (p = ns). DMMB data analysed with Student’s T-test (p < 0.0001). 

Histologic assessment

       Histological staining of skin-ECM, lung-ECM and LV-ECM with Alcian Blue, 

Masson’s  Trichrome (MTC) and Picrosirius Red (PSR) is shown in Figure 6.  

        All hydrogels contained detectable levels of proteins and sGAGs which were 

arranged as fibrous meshwork. Skin-ECM had markedly higher levels of sGAGs by 

Alcian Blue compared to lung-ECM and LV-ECM which had comparable levels. The 

collagen networks in ECM hydrogels as visualised with MTC and PSR showed 

differences. Collagen was observed as dense, condensed fibrous networks in LV-ECM 

(MTC and PSR) and skin-ECM (PSR). 

        Lung-ECM showed a more finely distributed network of collagen fibres that 

was intermediate of skin -ECM and LV-ECM which had also bound less dye both in 

MTC and PSR stains. While LV-ECM was heterogeneous with large interfibrous areas of 

irregular size while both lung-ECM and skin-ECM appeared more homogeneously 

organised. Interestingly, this architecture showed more prominent in skin-ECM after 

PSR staining because MTC staining showed a more irregular dye binding. 
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Figure 6. Alcian Blue, MTC and PSR, stains in sections of Skin-ECM, lung-ECM and LV-ECM. Scale bars: 50 µm. 

Matrix organisation 

Both MTC and PSR predominantly stain collagen-type fibres. This was corroborated 

by immunohistochemistry for COL1A1, a component of the major tissue collagen i.e. type I 

(Figure 7). The collagen I architecture of LV-ECM showed condensed fibres surrounding large 

irregularly shaped voids. In contrast, in lung-ECM and skin-ECM the collagen I architecture 

comprised of a fine reticular meshwork. Skin-ECM had a higher collagen I content than lung-

ECM. The elastin was distributed in condensed patches in all ECM hydrogels (Figure 7). It 

would appear that LV-ECM contained higher levels of elastin than skin-ECM and lung-ECM. 

Fluorescent imaging of PSR-stained sections (Figure 8) was used to run detailed analyses of 

the collagen fibres with respect to size, shape and organisation (TWOMBLI, Table 2). 
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Figure 7. Immunohistochemistry (red) of COL1A1 and Elastin of skin, lung and LV ECM hydrogels. Scale bars represent 

50 µm 

Figure 8. Fluorescent micrographs of skin, lung and LV ECM hydrogels. (a) Unstained sections (autofluorescence); (b) 

PSR-stained sections. Original objective magnification 40x. 
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Number of fibres and length (mean and total) 

The mean and total number and length of the immuno-stained collagen type I fibres 

differed between all three organ-derived ECM hydrogels (Figure 7, Table 2). The skin-ECM 

had fewer elastin fibres, that were also shorter compared to the LV-ECM. The lung-ECM had 

shorter elastin fibres than the LV-ECM (Figure 7, Table 2). Histochemical picrosirius fluoro-

micrographs revealed less fibres in the skin-ECM and the LV-ECM compared to the lung-

ECM (Figure 8, Table 2). The mean fibre length of the lung-ECM was longer compared to the 

skin-ECM and the LV-ECM (Figure 7, Table 2). 

Branch points and endpoints 

The number of immuno-stained collagen type I branch points and endpoints did not 

differ between the organ ECM hydrogels (Figure 7, Table 2). The number of immuno-stained 

elastin branch points and endpoints were both lower in the skin-ECM and the lung-ECM, 

compared to the LV-ECM (Figure 7, Table 2). Histochemical picrosirius fluoro-micrographs 

also showed similar numbers of fibre branch points in all three ECM hydrogels (Figure 8, 

Table 2).  

Yet, the number of endpoints was lower in the skin-ECM than in the lung-ECM and 

the LV-ECM. Additionally, the lung-ECM had less endpoints than the LV-ECM (Figure 8, 

Table 2). 

Lacunarity and high-density matrix (HDM) 

The lacunarity of the collagen A1 distribution (Figure 7) did not differ between the 

ECM hydrogels from the skin, lung and LV, while the high-density matrix was larger in the 

skin-ECM than both the lung-ECM and the LV-ECM. The lacunarity of the elastin distribution 

(Figure 7) was higher in the skin-ECM and the lung-ECM compared to the LV-ECM. In 

contrast, the high-density matrix was smaller in both the skin-ECM and the lung-ECM 

compared to the LV-ECM. In the Picrosirius red-stained fluoro-micrographs (Figure 8), the 

lacunarity was smaller in the skin-ECM and the LV-ECM than in the lung-ECM. In the 

Picrosirius red-stained micrographs, the high-density matrix was larger in the skin-ECM than 

in the lung-ECM and the LV-ECM. 
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Ultrastructure 

The ultrastructure of hydrogels, visualised with SEM, showed qualitative differences 

between the skin-ECM and both the lung-ECM and the LV-ECM. In both the lung-ECM and 

the LV-ECM, most of the surface displayed a sheet-like organisation, with randomly scattered 

openings. Beneath these sheets, a fibrous network could be discerned. In contrast, the skin-

ECM lacked these condensed sheets and was comprised of a fibrous network with irregularly 

shaped pores with fibrils of a similar thickness (Figure 9). 

Figure 9. Surface ultrastructure of skin-ECM, lung-ECM and LV-ECM. (a) Magnification at 5000x; (b) Magnification 10, 

000x. Scale bars: 10 µm (a) and 2 µm (b). 
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Discussion 

Our study shows that the ECM hydrogels from the skin, lung and LV of the heart, at 

an equal protein concentration, differ distinctly in composition, gelling kinetics and 

viscoelasticity. The mechanical properties and ultrastructure of the lung-ECM and the LV-

ECM were similar. The content of sGAG was higher in the skin-ECM than the LV-ECM, while 

sGAGs were below the detection limit in the lung-ECM. Turbidity assays demonstrated that 

the skin-ECM had a higher starting absorbance and a faster sol-gel transition than in the lung-

ECM and the LV-ECM. The skin-ECM hydrogels had a lower elastic modulus and faster stress 

relaxation than the lung-ECM and the LV-ECM. The surface topography of the skin-ECM 

hydrogels was more porous than the lung-ECM and the LV-ECM and the TWOMBLI analyses 

illustrated differences in the collagen and elastin fibre-related parameters (length, density, 

and number, among others). 

The first indication of an organ-specific ECM composition and ultrastructure is the 

difference in the time needed for pepsin digestion (skin, 8 h; lung and LV, 48 h). Depending 

on the composition, crosslinking and, consequently, the ultrastructure of the ECM, it will 

require more or less “cutting” by pepsin in order to be solubilised. This difference in pepsin 

digestion times as well as the decellularisation methods required has been reported to be 

organ-specific [45]. The decellularisation process as well as the pepsin solubilisation have 

been shown to impact the composition and the mechanical properties of ECM hydrogels and 

need to be optimised to each tissue or organ [38,39]. 

All the organ-derived ECM hydrogels had a unique turbidity profile and kinetic 

parameters, which implies that the composition of these ECM hydrogels differ with respect 

to their assembly mechanism and kinetics. The differences in the composition of the ECM can 

impact the gelling process, where the addition of the proteoglycan decorin increased the lag 

phase of collagen 1 gelation and collagen V can regulate the fibre diameter of collagen [46,47]. 

The increased total gelling time in the lung and LV-ECM could be due to the loss of collagen 

1 telopeptides with longer pepsin digestion times, which is observed [30,48]. Turbidity 

analyses provide an insight into gelling kinetics but do not give information on the molecular 

assembly and fibril ultrastructure, the endpoint of which we evaluated using SEM and 

staining. 
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The elastic modulus of the skin-ECM hydrogels was 50% lower than the lung-ECM 

and the LV-ECM, consistent with previously reported data [26,31]. The stress relaxation of the 

skin-ECM was an order of magnitude faster than the lung-ECM and the LV-ECM. Stress 

dissipation occurs via the displacement of water and also via polymer network 

rearrangements. The speed and kinetics of each process can be mathematically modelled 

using Maxwell analysis [49].  

Each rearrangement process is represented by a Maxwell element active for a definite 

time period (tau; τ) and has a definite contribution to the overall relaxation process, i.e., the 

relative importance (Ri). A previous study showed that the stiffness and viscoelastic 

properties of ECM hydrogels still resemble that of the organ of origin [31]. The incorporation 

of cells into hydrogels may help bridge the gap, the small difference between tissue and ECM 

hydrogel mechanics, as well as to explain their contribution to the viscoelastic relaxation 

process of organs and tissues. Interestingly, the ECM hydrogels from the two organs that 

experience continuous rhythmic mechanical stresses had similar stiffnesses and 

viscoelasticity, in contrast to skin. 

Maxwell analyses showed that the skin-ECM had only two Maxwell elements, while 

the lung-ECM and the LV-ECM had three. The skin-ECM’s first and second Maxwell 

elements (fast and intermediate) had a greater Ri with a lower τ than in the lung-ECM and 

the LV-ECM. These elements are associated with the fastest stress dissipating components of 

the ECM, such as water and small molecules (e.g., growth factors). GAGs are among the 

ECM molecules that strongly bind, and thus resist the displacement of, water [50]. The 

quantification of sGAGs indicated a greater presence in the skin-ECM than in the LV-ECM 

but was below detection level in the lung-ECM. 

Information about the role of (s)GAGs in organ and tissue viscoelasticity is limited. 

One study showed that stress relaxation decreases in GAG-depleted arteries [24]. Depleting 

sGAGs such as chondroitin sulphate, dermatan sulphate and heparan sulphate in lung tissue 

was shown to increase stress relaxation, whereas depleting hyaluronic acid had no effect [51]. 

No sGAGs were detected in the lung-ECM according to the DMMB assay, but Alcian Blue 

staining did detect the presence of GAGs in general. This finding might indicate that the non-

sulphated GAG hyaluronic acid (HA) is an abundant GAG in lung-ECM hydrogels.  
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In native lung tissue, HA is the most abundant GAG [52]. HA would not be detected 

using the DMMB assay owing to its non-sulphated nature [33]. Other authors have reported 

that detergent-based lung decellularization causes significant loss of both types of GAGs, as 

well as the depletion of specific sulphation patterns [53]. Our findings also indicate a loss in 

lung-ECM-derived sGAGs. Further studies should expand on the proteomic characterisation 

of an organ-derived ECM, both from the original organ, as well as the resulting ECM after 

decellularisation through mass-spectrometry. This information might give insights to the 

contribution of individual matrix components to viscoelasticity. 

The differences among the hydrogels may not only depend on the composition but 

also on the architecture and conformation of the matrix. TWOMBLI analyses of the 

immunohistochemistry showed that COL1A1 had a higher density in the skin-

ECM hydrogels than the lung-ECM and the LV-ECM. In elastin, the TWOMBLI analyses 

showed differences in the fibre number, length, amount and density, among others, in the 

LV-ECM, compared to the skin-ECM and the lung-ECM. Observing the polymer network 

under SEM demonstrated that the surface microarchitecture of the LV-ECM and the lung-

ECM hydrogels had a condensed layer that displayed a sheet-like organisation. Localised 

regions showed the presence of pores on the surface. In contrast, the skin-ECM 

hydrogels had an open fibre structure with large fibres and pores. These findings 

correlate to the mechanical properties observed, as the lung-ECM and the LV-ECM had 

similar viscoelastic and surface architecture properties, while the skin-ECM was highly 

porous with lower stiffness and faster stress relaxation. Porosity represents a percentage 

of void space in a solid [54,55], where an excess of voids can compromise the mechanical 

stability of materials [56]. The swelling of hydrogels might have resulted in a different water 

content depending on the organ source of ECM. We recognise that not evaluating this is a 

limitation of our study. GAGs and proteoglycans contribute to the water retention of the 

ECM. The compositional differences in these proteins may affect the swelling and, 

consequently, also the mechanical properties of the ECM hydrogels.  

Overall, these findings demonstrate that organ-specific ECM 

composition idiosyncrasies remain present after decellularisation. 
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Discrepancies exist with our colleagues, where a fourth Maxwell element in LV-ECM 

hydrogels is reported [26]. Compared to the protocol from our colleagues, we employed two 

hours more for pepsin digestion [26].  The pepsin digestion time influences organ-derived 

ECM hydrogel mechanics, which could explain the differences observed [29]. The analyses 

of hydrogel architecture through SEM can produce artefacts because of the required 

sample drying during the preparation process that sample fixation before freeze-

drying may not prevent [57,58,59]. To corroborate the SEM results, we used 

fluorescent imaging of the picrosirius red stained sections. A possible way to image the 

ultrastructure of ECM hydrogels in a wet state would be 5(6)-

Carboxytetramethylrhodamine N-succinimidylester (TAMRA-SE) staining in 

combination with confocal laser scanning microscopy [60,61]. Limitations concerning 

the LLCT have been addressed in the past by our research group [31]. 

Conclusions 

In conclusion, organ-derived ECM hydrogels retain their specific composition and, 

with that, the accompanying mechanical properties and ultrastructure. Organ- or tissue-

specific ECM hydrogels provide opportunities for simulating the organ or 

tissue microenvironment, opening possibilities for use in tissue engineering and as model 

systems for understanding disease underlying mechanisms. Organ ECM hydrogels 

enable the generation of novel models for mimicking and incorporating a native organ 

ECM in a research environment. Further characterising the ECM composition of organs and 

ECM hydrogels will allow us to discern how different ECM proteins influence the 

mechanics, as well as what compositional elements ECM hydrogels need to more 

completely mimic the native environment. With organ-specific ECM hydrogels, we can 

explore cell-matrix interactions, which are dynamic and reciprocal. Both factors influence 

the biomechanical outcome of the cellular environment, leading to changes in both cell 

fate and ECM composition and mechanics. The crosstalk between cells and the ECM is 

often dysregulated in disease and, with organ-specific ECM hydrogels, we might 

elucidate the precise role of the ECM in the pathophysiology. 
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Abstract 

Dermal wound healing relies on the properties of the extracellular matrix (ECM). Thus, 

hydrogels that replicate skin ECM have reached clinical application. After a dermal injury, a 

transient, biodegradable fibrin clot is instrumental in wound healing. Human plasma, and its 

main constituent, fibrin would make a suitable biomaterial for improving wound healing and 

processed as hydrogels albeit with limited mechanical strength. To overcome this, plasma-

agarose (PA) composite hydrogels have been developed and used to prepare diverse 

bioengineered tissues. To date, little is known about the influence of variable agarose 

concentrations on the viscoelastic properties of PA hydrogels and their correlation to cell 

biology. This study reports the characterization of the viscoelastic properties of different 

concentrations of agarose in PA hydrogels:  0%, 0.5%, 1%, 1.5%, and 2% (w/v), and their 

influence on the cell number and mitochondrial activity of human dermal fibroblasts. Results 

show that agarose addition increased the stiffness, relaxation time constants 1 (τ1) and 2 (τ2), 

and fibre diameter, whereas the porosity decreased. Changes in cell metabolism occurred at 

the early stages of culturing and correlated to the displacement of fast (τ1) and intermediate 

(τ2) Maxwell elements. Fibroblasts seeded in low PA concentrations spread faster during 14 d 

than cells cultured in higher agarose concentrations. Collectively, these results confirm that 

PA viscoelasticity and hydrogel architecture strongly influenced cell behavior. Therefore, 

viscoelasticity is a key parameter in the design of PA-based implants.  
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Introduction 

Hydrogel-based skin equivalents have emerged as the most promising approaches 

for skin tissue engineering (TE) applications due to their characteristics to mimic the native 

skin microenvironment by acquiring different shapes and incorporating cell populations 

[1,2].   

One challenge faced by the use of hydrogels for skin TE applications is the ability to 

replicate the mechanical properties of the skin and its active (mechanical) stresses.[1],[3] As 

most tissues within the body, the extracellular matrix (ECM) of the skin exhibits a 

combination of elasticity and viscosity, called viscoelasticity [4,5]. Elasticity is the physical 

property of a substance that allows changing its volume, length, or shape in response to a 

force, followed by recovery to its initial configuration once the force is removed. 

Viscoelasticity relates to the adaptability of the ECM network and the water content of 

the skin which adds flow or viscosity. In response to a constant deformation, viscoelastic 

materials exhibit stress relaxation in response to a constant strain [6]. The viscoelastic 

behavior of the skin protects against injury by allowing additional movement (as 

compared to pure elastic properties) of skin structures away from stress and returning 

toward their baseline without breaking [7]. 

Plasma-derived hydrogels (also referred to as fibrin hydrogels) are 

considered promising for skin TE applications because they are easily obtained from the 

patient's blood, providing a suitable alternative in clinical protocols of autologous use 

[8,9]. Furthermore, plasma-derived hydrogels offer additional advantages such as low cost 

and biocompatibility. Plasma-derived/fibrin hydrogels can be remodeled by cells and retain 

growth factors [10,11]. However, plasma-derived hydrogels are not mechanically 

resilient, complicating their manipulation. Thus, several studies have already focused 

on improving their mechanical strength. For example, combining human plasma with 

other natural polymers such as agarose forms an interpenetrating network where both 

polymers are crosslinked simultaneously [12,13].Agarose has a poroelastic structure, self-

gelling properties, and high water content. These properties combined provide a suitable 

microenvironment for cellular activity [14,15]. Moreover, agarose hydrogels mechanics 

can be adjusted by changing the concentration, resulting in characteristics similar to the 

desired tissue.  
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The potential of plasma-agarose (PA) interpenetrating polymer networks to produce 

biocompatible materials was demonstrated with multiple tissue models such as the cornea 

[16], oral mucosa [17], and neuronal tissue [18]. Nevertheless, there is limited knowledge 

about the effect of different concentrations of agarose on the viscoelastic behaviour of PA 

hydrogels and the resulting cellular responses.  

Agarose concentration can also modify the structural properties of hydrogels. Changes 

in hydrogel viscoelasticity and structure may impact cell spreading, growth, and 

proliferation in three-dimensional (3D) culture conditions [6,19]. 

In this study, we investigated the viscoelastic properties of PA hydrogels with different 

concentrations of agarose and determined the cellular responses of human dermal fibroblasts, 

and evaluated the potential use of these hydrogels for skin TE applications. 

Methods 

Cell culture 

Human adult dermal fibroblasts (NHDF-Ad; Lonza, The Netherlands) passage 1, 

tested and certified as mycoplasma-free and virus-free (HIV-1, hepatitis B, and hepatitis C) 

were cultured in 75 cm2 culture flasks with Dulbecco’s modified Eagle’s medium (DMEM; 

Thermo Fisher Scientific, USA) 25 mM glucose, supplemented with 10% (v/v) Fetal bovine 

serum (FBS; Gibco, USA) and 1% (v/v) penicillin-streptomycin (Gibco). Cells were incubated 

at 37°C, and 5% CO2 until these reached 80% confluence. Passages between 2 and 6 were 

used for all experiments. 

 Hydrogel preparation 

For the preparation of the PA hydrogels, a solution (1 mL) of platelet-poor human 

plasma (with a fibrinogen concentration of 2.5 mg/ml assessed by the Clauss fibrinogen 

assay This assay showed a SD of 0.7 mg/ml as reported in the literature [20,21]), 140 μL 150 

mM NaCl, 14 μL of tranexamic acid (5 mg/mL) (CAS Number 1197-18-8, Sigma), and 40 μL 

of a fibroblast suspension (2.5 x105 cells/ mL) was mixed with 0%, 0.5%, 1%, 1.5% or 2% (w/

v) of agarose type VII (CAS 9012366, Sigma, USA). The final concentrations of agarose in the 

PA hydrogels were adjusted by conveniently varying the plasma volumes (67%-27%).  



95 

|     Viscoelastic properties of plasma-agarose hydrogels dictate favorable fibroblast responses for     
skin tissue engineering applications 

Before fibroblasts were added, 5% (w/v) agarose was prepared, melted at 60°C in 50 

mL 150 mM NaCl and left overnight. Subsequently, the agarose stock solution was cooled to 

37°C and kept until used.  To promote fibrin polymerization, 140 μL CaCl2 (1%) (Sigma) 

were added to the PA hydrogel solution and gently homogenized. Then, 0.5 mL was 

poured into a 24-well plate (Corning, USA) and incubated in a humidified atmosphere 

with 5% CO2, at 37°C for 30 min. PA hydrogels with fibroblasts were cultured for 1 d, 7 d, 

and 14 d for the next experiments, and the culture medium was refreshed every other 

day. Cell-free hydrogels were also prepared.

Swelling ratio 

Cell-free 0%, 0.5%, 1%, 1.5% or 2% PA hydrogels were weighed 1 h after 

polymerization to determine their dry mass (Md). All hydrogels were swollen in 400 

μL of phosphate-buffered saline (PBS; pH 7.4) for 24 h at 37°C. The excess PBS from PA-

hydrogels was removed with blotting paper before being weighed again to determine the 

wet mass (Mw). The mass swelling ratio was quantified according to Equation 1 [22]:  

𝑀𝑎𝑠𝑠 𝑠𝑤𝑒𝑙𝑙𝑖𝑛𝑔 𝑟𝑎𝑡𝑖𝑜 =  
𝑀𝑤

𝑀𝑑
   [1] 

Viscoelastic properties 

The viscoelastic properties of cell-loaded and cell-free PA hydrogels were 

determined using uniaxial compression on a low-load compression tester (LLCT) [23,24]. PA 

hydrogels of 2.0 ± 0.4 mm thick were placed on a glass coverslip with double-sided tape to 

prevent sample displacement. Each PA hydrogel was compressed at a constant strain rate of 

0.2 s-1 to 80% of its original thickness (strain, ε =0.2) with a 2.5 mm diameter steel plunger 

and kept compressed for 100 s. Strain (ε) was calculated as the change in thickness during 

compression normalized with the starting gel thickness. Force output from the LLCT was 

normalized by the area of the cross-section of the plunger to get stress (σ). All data were 

analyzed with a data fitting routine written in MatLab 2018 (MathWorks® Inc., Natick, 

USA). The elastic modulus was calculated as the slope of the stress-strain curve (Figure 1a) 

while the stress relaxation was calculated by comparing initial stress (t = 0 s) versus final 

stress (t = 100 s) (Figure 1d).  
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During the stress relaxation, E(t) was defined as a time-dependent elastic modulus, 

where σ(t) is the measure of time-dependent stress (Figure 1d) and εo the constant strain

value of 0.2 (Figure 1c), decreasing with time t during 100 s according to Eq. 2: 

𝐸(𝑡) =
𝜎(𝑡)

𝜀𝑜
    [2] 

The measured stress relaxation curves were modelled using a generalized Maxwell 

model (Figure 1e; 1f) by fitting Eq. 3: 

𝐸(𝑡) = 𝐸1𝑒
−

𝑡

𝜏1  + 𝐸2𝑒
−

𝑡

𝜏2  + 𝐸3𝑒
−

𝑡

𝜏3  + ⋯ 𝐸𝑖𝑒
−

𝑡

𝜏𝑖 [3] 

where  𝜏𝑖 = ɳ𝑖⁄𝐸𝑖 is the relaxation time constant, ɳ𝑖 the viscosity, and 𝐸𝑖 the spring 

constant for each Maxwell element 𝑖. Using this formula, the number of Maxwell elements for 

each hydrogel could be calculated.  

The optimal number of Maxwell elements required was determined using the Chi-

square function (Figure 1g) following Eq. 4: 

𝑥2 = ∑ [
𝐸𝑗−𝐸(𝑡𝑗)

𝜎𝑗
]100

𝑗=0   [4] 

where j varies from 0 to 100 s, Ej is the measured value at time j, E(tj) is calculated from 

Eq. 3 and σj is the standard error of the device equal to 1.41 Pa.  
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Figure 1. Elastic modulus and stress relaxation. a) The elastic modulus is the slope of the stress-strain curve. b) Elastic 

modulus for the real data was taken as the slope of the least squared fit line, of a PA 2% hydrogel is shown c) For a 

stress relaxation test, a constant strain is applied, and d) the decrease (relaxation) in stress over time detected by the 

low-load compression tester. e) The stress relaxation data were analyzed by fitting a generalized Maxwell model. f) 

Example of Maxwell analysis derived from a PA 2% hydrogel, shows the curve fitting based on the measured modulus 

E(t) and the model E(t). g) The number of necessary Maxwell elements was decided based on the Chi2 minimization.    
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Cell number and cell morphology  

Cell number and morphology of fibroblasts loaded cultured in PA hydrogels were 

analysed by fluorescence microscopy at 1 d, 7 d, and 14 d. To visualize the expression of 

filamentous actin (F-actin) and nuclei, FITC-labelled phalloidin (Sigma) and 4′, 6-diamidino-

2-phenylindole (DAPI; D9564, Sigma,) were used, respectively. PA hydrogels were washed 

with PBS, fixed with 3.7% paraformaldehyde (PFA; Sigma) diluted PBS for 1 h, and 

subsequently washed again three times.  Afterward, fixed hydrogels were permeabilised 

using 0.5% (v/v) Triton X-100 - PBS solution for 3 min and blocked with 5% bovine serum 

albumin in PBS for 30 min. FITC-labelled phalloidin (2 µg/mL) was applied and incubated for 

30 min at room temperature, light protected. DAPI (4 µg/mL) was then added to stain the cell 

nuclei and incubated for an additional 1 h. After staining, PA hydrogels were visualized with 

a Leica DMR fluorescence microscope (Leica, Wetzlar, Germany), and ≥ 10 areas per hydrogel 

were imaged for cell counting. Three independent samples were analysed per PA 

concentration. 

Cell metabolic assay  

Cell metabolic activity of cell-loaded PA hydrogels was based on a mitochondrial 

activity assay as previously described [25]. Briefly, 500 μL of XTT ((2,3-bis (2-methoxy-4-nitro-

5-sulfophenyl)-2H-tetrazo-lium-5-carboxanilide salt; A8088 AppliChem, The Netherlands) 

was mixed with the culture medium present on top of each hydrogel and incubated at 37°C, 

5% CO2 for 6 h. The absorbance was measured at 460 nm and 690 nm using a microplate reader 

(Shimadzu, Japan).  The resulting metabolic activity (%) of all PA hydrogels was compared to 

the values of 0% PA hydrogels based on Eq. 5. 

Metabolic activity (%) = 
𝐴𝑃𝐴 ℎ𝑦𝑑𝑟𝑜𝑔𝑒𝑙 460 𝑛𝑚−𝐴𝑃𝐴 ℎ𝑦𝑑𝑟𝑜𝑔𝑒𝑙 690 𝑛𝑚

𝐴0% 𝑃𝐴 ℎ𝑦𝑑𝑟𝑜𝑔𝑒𝑙 460 𝑛𝑚−𝐴0% 𝑃𝐴 ℎ𝑦𝑑𝑟𝑜𝑔𝑒𝑙 690 𝑛𝑚
 x 100                                         [5] 

 

The absorbance of all PA hydrogels was corrected by subtracting the background 

absorbance from cell-free hydrogels of their respective concentrations at 1 d, 7 d, and 14 d. 
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Ultrastructure 

The ultrastructure of cell-loaded and cell-free PA hydrogels, defined as the 

architectural properties at the micrometer scale, were characterized with scanning electron 

microscopy (SEM; Jeol JSM 6490 LV, USA) at 1 d. All hydrogels were sectioned in half 

to visualize the internal ultrastructure, then fixed in 3% glutaraldehyde diluted in PBS (pH 

7.4) for 24 h followed by 1% electron microscopy grade osmium tetroxide for 1.5 h. 

Afterward, the hydrogels were dehydrated in a series of ethanol concentrations (30%, 50%, 

70%, 90%, 95%, and 99%), critical point dried at 31°C, 1072 PSI, and Au sputter coated 

(Denton Vacuum Desk IV). The SEM imaging occurred under a high vacuum at 15 kV and 

5000x magnification. SEM images were employed to calculate the porosity percentage and 

fiber thickness with ImageJ Ver 1.52p (https://imagej.nih.gov/ij/; Accessed: 12 October 2021).   

Histological analysis of collagen 

Cell-loaded PA hydrogels at 7 d were fixed with 3.7% PFA (Sigma). Fixation 

occurred for 24 h at 4°C, then dehydrated in a series of ethanol concentrations and paraffin-

embedded. Sections (5 μm) were made with a microtome (Leica RM2265, Germany), 

stained with Masson’s trichrome (ab150686, Abcam) according to the manufacturer’s 

instructions, and imaged with Leica DMR. Cell-free hydrogels and human skin sections (5 

μm) kindly donated by the Tissue Engineering and cell therapy research Group of the 

University of Antioquia were also stained. Only the dermal layer of the skin was considered 

for comparison with PA hydrogels. The collagen positive area was quantified using the 

ImageJ software in three fields of view captured from each PA hydrogel.  The blue positive 

area was divided by the total area for each field, and the result was expressed as the 

percentage of collagen deposition relative to native skin. 
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Statistical analysis 

All data are expressed as mean values ± standard deviation. Statistical analysis was 

performed with OriginPro 2018 (v9.5.1). Data were checked for normality according to 

Kolmogorov-Smirnoff and for outliers using the robust regression and outlier removal 

test (ROUT). Data were analyzed using one-way or two-way ANOVA followed by Tukey’s 

test to determine differences between groups *p < 0.05, **p < 0.01, ***p < 0.001, and ****p < 

0.0001, respectively. Correlations between the increase in agarose concentrations and the 

variables of viscoelasticity and cellular response were determined by Pearson’s (r) 

coefficient. Values between 0.70 to 1 (-0.70 to -1) were considered high, and between 0.50 to 

0.70 (-0.50 to -0.70) were considered moderate, positive (negative) correlations. 
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Results 

Swelling 

The swelling ratio of cell-free 0%, 0.5%, 1%, 1.5%, and 2% PA hydrogels is shown and 

compared in Figure 2. The 0% PA hydrogels had a lower swelling ratio than 1%, 1.5%, and 

2%. Hydrogels of 0.5% PA also had a lower swelling ratio than 2%. Comparison between 1%, 

1.5%, and 2% PA hydrogels showed no differences.  The addition of agarose led to an increase 

in swelling ratio, albeit, this increase became non-linear at higher agarose concentrations 

(<1.5%). 

Figure 2. Swelling behavior of 0%, 0.5%, 1%, 1.5% and 2% PA (w/v). The swelling ratio was assessed after swelling all 

hydrogels in PBS for 1 d at 37°C and then dried for 1 h at 37°C. Data show the mean values and the standard deviation 

(n=4). One-way ANOVA followed by Tukey’s honestly significant difference (HSD) test: **** p <0.0001. 

Viscoelastic properties 

Cell-loaded and cell-free PA hydrogels had an agarose concentration-dependent 

increase in elastic modulus (stiffness) (Table 1). Overall, fibroblasts did not alter the elastic 

modulus of the PA hydrogels at any time point. All PA concentrations decreased in stiffness 

regardless of cells’ presence over time. These results demonstrate that the stiffness of plasma-

derived hydrogels is tunable by increasing the agarose concentration. 

Irrespective of the PA ratio or the presence of cells, all hydrogels had a similar stress 

relaxation (Table S1).
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Maxwell analysis 

PA hydrogels required three Maxwell elements to describe their stress relaxation 

(Figure 3), defined as fast (τ1), intermediate (τ2), and slow elements (τ3). The number of 

Maxwell elements remained the same during the 14 d of experimental conditions, regardless 

of cell presence.  

To further evaluate the viscoelastic behavior of PA hydrogels in response to 

increased agarose concentrations, Pearson's correlation coefficients (r) of hydrogels after 1 d, 

7 d, and 14 d in culture were analyzed. Figure 4 shows a high positive correlation between 

the relaxation τ1) and τ2, and the increase in agarose concentrations at all evaluated time 

points, while τ3 did not correlate with the agarose content. 

Figure 3. Relaxation time constants of Maxwell elements for cell-loaded (Red) and cell-free (Black) PA hydrogels (all 

agarose concentrations). No differences were observed between cell-loaded and cell-free hydrogels at the same 

timepoint. Data derive from three independent non-paired samples per time point. Data are shown as mean values and 

standard deviation.  
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Figure 4. Correlations between the relaxation time constants tau 1 (τ1), tau 2 (τ2), and tau 3 (τ3) as a function of agarose 

concentrations at 1 d, 7 d, and 14 d. Cell-loaded (red) and cell-free (black) were analyzed together as no differences 

were found among the two conditions as shown in Figure 3.  
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Cell behavior 

Cellular (fibroblast) morphology was assessed in PA hydrogels via Phalloidin and 

DAPI fluorescent stains at 1 d, 7 d, and 14 d of 3D cell culture. Representative images are 

shown in Figure 5a. The expression of F-actin (green) filamentous extensions was the highest 

at the lower PA hydrogel concentrations. The typical spindle-shaped morphology of 

fibroblasts was predominant in 0% and 0.5% hydrogels at all time points. In 1% PA hydrogels, 

cells expressed F-actin but were only visible after 14 d. F-actin was not detected in 1.5% and 

2% PA hydrogels.  

The number of cells was calculated based on the number of DAPI positive particles 

(i.e. nuclei) and compared to 0% PA hydrogels. Quantification indicates that the number of 

cells decreased as agarose concentration increased. The 0% PA hydrogels had a greater 

number of cells than all the other concentrations at any given time point (Figure 5b).  

The metabolic activity per cell was calculated with equation 5 and indicated that cells in 

1.5% and 2% PA hydrogels had higher metabolic activity than 0% PA at 7 d and 14 d (Figure 5c). 



Chapter 4     | 

106 

Figure 5. Cell morphology, number of cells, and metabolic activity (normalized) at 1 d, 7 d, and 14 d. (a) The 

morphology of cells (fibroblast) according to DAPI (blue) and F-actin (green) fluorescent stains within 0%, 0.5%, 1%, 

1.5% and 2% PA hydrogels. The scale bar represents 20 μm. (b) The number of cells according to the number of DAPI 

positive particles (i.e. nuclei). A total of 10 fields of view (FOV) were analyzed per condition. (c)  Metabolic activity per 

cell according to XTT assay. Absorbance was normalized with cell-free PA hydrogels and compared to 0% PA 

hydrogels. Data derive from three independent non-paired samples per time point. Data are shown as mean values and 

standard deviation and analyzed with Two-way ANOVA followed by Tukey’s HSD test of values * p < 0.05. 
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Ultrastructure 

The ultrastructure of cell-free FA hydrogels was determined with SEM analyzing 

the porosity (%) and fiber diameter at 1 d. Representative images are shown in Figure 6. 

SEM evaluation of the 2% FA hydrogels was unfeasible due to brittleness and fracture 

during processing. The porosity of all hydrogels decreased with increasing agarose 

concentrations (Figure 6c), while the fiber thickness was greater in 0.5% FA hydrogels 

than 0% and 1% hydrogels. Analysis of 1.5% FA hydrogels derived no fiber diameter 

data, due to the high polymer density. 

Figure 6. Representative SEM micrographs showing the ultrastructure of (a) cell-loaded and (b) cell-free 0%, 0.5%, 1%, 

and 1.5% PA hydrogels at 1 d. Scale bars represent 5 µm. (c) Correlation between porosity (%) of PA hydrogels as a 

function of increasing concentrations of agarose after 1 day. Data derived from a minimum of three independent 

experiments. 
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Histological analysis of collagen deposition 

The presence of cell-derived collagen was evaluated by Masson's Trichrome stain in 

cell-loaded and cell-free PA hydrogels. Native human skin was used for comparison and as a 

staining control. Representative images are shown in Figure 7. All PA hydrogels had areas 

positively (blue) stained for collagen. The 0% and 0.5% PA hydrogels had areas of clustered 

cells and similar stain (colour) intensity to the dermal layer of native skin. In the 1% PA 

hydrogels, positively-stained collagen (blue) regions were less dense than in 0% and 0.5% PA. 

In 1.5% and 2% PA fewer cells were visible, and the collagen deposition was minimal, 

compared to the before-mentioned hydrogel concentrations. All cell-free hydrogels showed a 

similar staining and colour intensity pattern. Quantification of the colour intensity of 

positively-stained collagen (blue) showed that of 0%, 0.5% and 1% PA hydrogels did not differ 

from native skin (dermis layer). In contrast, 2% PA and cell-free hydrogels had a lower 

intensity compared to the dermis layer of native skin. 

Figure 7. Collagen deposition. (a) Histology of cell-loaded PA hydrogels. Cell-free and native skin are shown as controls 

of the Masson’s trichrome stain. Scale bars represent 50 μm. (b) Collagen deposition in PA hydrogels relative to the skin 

(dermis). Data represent mean values and standard deviation and were analyzed with Two-way ANOVA followed by 

Tukey’s HSD test of values * p < 0.05. 
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Correlations between the viscoelastic properties and cell behavior  

The addition of agarose to plasma-derived hydrogels correlated with mechanical and 

structural changes. The exact values are shown in Table 2. The stiffness, τ1, τ2, and fiber 

diameter positively correlated with the increase in agarose concentration. Meanwhile, cell 

number, metabolic activity, and porosity negatively correlated to the increase in agarose. 

The metabolic activity positively correlated with the number of cells, while fiber diameter, 

τ1, and τ2 negatively correlated with such. Porosity negatively correlated with the number 

of cells and the τ1 and τ2 values. The analysis of the influence of τ1 and τ2 on the cellular 

parameters can be found in Figure S1. 

Table 2. Pearson's correlation coefficients analysis 

* Correlation positive/negative

Variables Agarose
(%)

Metabolic 

activity (%) 

Cell 

number/ (FOV) 

Porosity (%) 

(SEM) 

Metabolic activity (%) -0.87* 

Cell number/ (FOV) -0.90* 0.80* 

Porosity % (SEM) -0.91* 0.46 0.76* 

Stiffness (KPa, 0.2 s-1) 0.65* -0.44 -0.44 -0.43 

Fibber diameter (nm) 

(SEM) 

0.67* -0.64* -0.68* -0.28 

τ1 0.84* -0.69* -0.73* -0.86* 

τ2 0.90* -0.68* -0.65* -0.83* 

τ3 -0.36 0.31 0.36 0.42 
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Discussion 

In this study, we characterized the viscoelastic properties of plasma-agarose (PA) 

hydrogels produced with varying concentrations of agarose and the response of loaded 

human dermal fibroblasts. The elastic modulus and stress relaxation properties, together with 

the ultrastructural parameters and cell responses were investigated to determine the potential 

use of these hydrogels for skin TE applications.  

Viscoelasticity is a near-universal property of living tissues and their extracellular matrix 

(ECM) [8] manifested as stress relaxation or creep under compression or tension. A 

thorough understanding of this mechanical behavior is relevant for an adequate design of 

human skin equivalents. In the context of skin TE, fibrin hydrogels are widely 

employed due to their biological properties [26]. However, the native mechanics of plasma, 

and its main constituent fibrin makes them unsuitable to withstand the mechanical stresses 

to which skin is constantly exposed. Here, we produced human plasma-derived hydrogels 

from pooled plasma containing a fibrinogen concentration of 2.5 mg/mL, which has been 

associated with low rates of cell-mediated contraction and a shelf life greater than 18 days 

[27].  

Under uniaxial compression, the 0% PA-hydrogels showed an instantaneous 

elastic response followed by stress relaxation. The 0% PA hydrogels reached 50% stress 

relaxation in 55.1 ± 2.8 s, while agarose addition did not affect the overall relaxation 

process. The irreversible rearrangement of fibrin to relieve stress is related to the knob:hole 

non-covalent interactions that hold the fibrin network together. Such knob:hole bonds can 

break and re-form within the PA network after stress is released [26,28,29]. Other hydrogel 

systems, such as type-1 collagen and basement membrane also exhibit viscoelastic behavior, 

unless they are sufficiently covalently crosslinked. Such stability can be achieved by 

combining these natural polymers with others regarded as more mechanically stable 

and modifying their crosslinking [30–32]. 

Based solely on the time to reach 50% stress relaxation, the addition of agarose to 

fibrin hydrogels seemingly had no impact on hydrogel viscoelasticity. Nonetheless, 

Maxwell’s modeling of the stress relaxation data showed a strong positive correlation 

between the agarose concentration and the τ1 and τ2.  Viscoelastic stress relaxation is caused 

by various molecular events taking place inside the hydrogel, that include the dissociation 

of the network bonds within the matrix and fluid movement through its pores.  
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Changes in hydrogel composition could change the relaxation time constants and the 

relative importance of particular Maxwell elements. In the absence of a systematic study 

linking particular Maxwell elements to the hydrogel biochemical composition, the exact 

allocation of components to particular Maxwell elements remains a hypothetical exercise. A 

systematic study performed on bacterial biofilms [33] demonstrated that smaller molecules 

(e.g. unbound water, bound water, growth factors) responded to the applied strain faster and 

to Maxwell elements with smaller relaxation time constants. The increase in agarose 

concentration was followed by an increase in τ1 and τ2 and may relate to agarose hygroscopic 

properties. Increasing agarose concentration increased the PA hydrogel swelling ratio 

increasing the relative amount of bound water and decreasing its mobility under stress. The 

resistance to the movement of bound and unbound water could cause an increase in τ1 and 

τ2. However, τ3 might correspond to the structural components such as the primary fibrin 

network present in all PA hydrogels, but further research is needed to properly identify the 

components active in this Maxwell element.  

Since the mass of hydrogels consists mostly of water, the swelling capacity of PA 

hydrogels and their relationship with the network porosity was evaluated. The 0% PA 

hydrogels showed a de-swelling behaviour that has been previously reported [27], likely due 

to the typical contraction of these hydrogels leading to protein release. Compared to 0%, the 

1% PA hydrogels had increased their mass after swelling in PBS.  Agarose is hygroscopic, 

making this result expected and preventing volume loss. Other authors reported that 0.1% 

and 0.5% PA hydrogels were 1.5 and 2.0 times thicker than hydrogels made from only plasma 

(0% PA) [34]. 

Agarose concentration influenced the viscoelastic properties of PA hydrogels and 

strongly correlated with a lower number of cells and negatively correlated with the cell 

metabolic activity. In other hydrogel systems, increasing polymer concentration seems to be 

detrimental for cells in long-term 3D culture [35,36]. However, the metabolic activity 

normalised by cell number showed increased mitochondrial activity in 1.5% and 2% PA 

hydrogels, perhaps due to the challenge the cells experience to survive under adverse 

conditions such as low availability of nutrients or hypoxia [37].  
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The highest negative correlations between τ1 and τ2 and the number of cells occurred 

after 1 d, indicating that the main changes in cell responses happened in the early stages of 

culturing and were related to the displacement of fast (τ1) and intermediate (τ2) Maxwell 

elements as shown in the supplementary material. 

One of the parameters affected by increasing agarose concentration was the hydrogel 

porosity. The porosity and pore sizes are key regulators for mechanical confinement in 3D 

cultures. Cell spreading and cell migration are hindered in materials with small and rigid 

pores, preventing the movement of the cell’s nuclei [6,38]. The PA hydrogels with lower 

agarose concentrations had greater cell spreading since 1 d, compared to those with higher 

agarose concentrations. Cell viability and spreading are positively correlated with high 

porosity (%) as it facilitates both processes while lower porosity (%) hinders them. 

These findings go per the existing literature in hydrogel culture systems [39,40] and 

in our observations where fibroblast in 1% PA took 14 d to show any signs of cell 

spreading. Hydrogel degradation matrix could allow the cells to overcome confinement, 

spread, and migrate [41]. Hence, the cell-induced degradation in vitro of PA hydrogels 

should be explored in the near future [42].  

The ECM is constantly remodeled by the cells within, causing a restructuring of 

tissue architecture. In our model, fibroblast-derived collagen deposition was observed in 0%, 

0.5%, and 1% PA-hydrogels, resembling that observed in native skin. This observation is 

promising for skin TE applications. Furthermore, the stiffness of 1% PA hydrogels was 

similar to that reported in the skin (4.5 - 8 kPa) [27,43]. TE implants should pose similar 

mechanics to those found in the tissue aimed for repair [44]. Based on our data, the 1% PA 

hydrogels are the most suitable candidates for skin TE applications, outperforming the 

other concentrations. The limitations of this study should be recognized. Dehydration of 

hydrogels for SEM analysis can lead to shrinkage and densification of the sample 

[45]. Hence, the visualized ultrastructure might not reflect the hydrogel in the 

swollen state. Therefore, the SEM-generated data is useful as a comparative measure as all 

hydrogels followed the same fixation and dehydration protocol. Cell viability was not 

assessed through conventional (fluorescent) methods previously reported in 

other hydrogels due to plasma autofluorescence [46]. Other biological events such as 

cell migration were not assessed since the 3D distribution of cells impedes tracking the 

same microscopy focal plane over time.
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PA hydrogels are viscoplastic that can undergo irreversible deformation on the 

microscale [47].  Such viscoplasticity is relevant to any biomaterial constantly exposed to 

mechanical stress and could be related to the decrease in PA hydrogel stiffness observed [48]. 

Hence, the determination of the viscoplasticity of hydrogels should be considered in future 

studies.  A limitation of LLCT is that a constant strain rate allowed to determine the 

stress relaxation time, but does not serve to identify strain rate-dependent 

phenomena.  Additional limitations of LLCT have been discussed in the past by our 

research group [35,49].  Other mechanical tests, such as tensile tests would provide 

additional characterization of the robustness of the PA hydrogels for dermal applications. 

However, 20% strain under tensile conditions would cause the failure of the hydrogel, 

and would not allow a proper assessment of cell-hydrogel viscoelasticity. 
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Figure S1. Correlation between metabolic activity (%) and cell number as a function of the Maxwell element relaxation 

time constant (a) 1 (τ1) and (b) and 2 (τ2) of PA-hydrogels with different agarose concentrations at 1 d, 7 d and 14 d.   
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Abstract 

The extracellular matrix provides mechanical cues to cells within it, not just in terms 

of stiffness (elasticity) but also time-dependent responses to deformation (viscoelasticity). In 

this work, we determined the viscoelastic transformation of gelatine methacryloyl (GelMA) 

hydrogels caused by adipose tissue-derived stromal cells (ASCs) through mathematical 

modelling. GelMA-ASCs combination is of interest to model stem cell-driven repair and to 

understand cell-biomaterial interactions in 3D environments. Immortalised human ASCs 

were embedded in 5%, 10% and 15% (w/v) GelMA hydrogels and evaluated for 14 d. GelMA 

had a concentration-dependent increase in stiffness, but cells decreased this stiffness over 

time, across concentrations. Viscoelastic changes in terms of stress relaxation increased 

progressively in 5% GelMA, while mathematical Maxwell analysis showed the relative 

importance (Ri) of the fastest Maxwell elements increased proportionally. The 10% GelMA 

only showed differences at 7 d. In contrast, ASCs in 15% GelMA caused slower stress 

relaxation, increasing the Ri of the slowest Maxwell element. We conclude that GelMA 

concentration influenced the stiffness and number of Maxwell elements. ASCs changed the 

percentage stress relaxation and Ri of Maxwell elements transforming hydrogel viscoelasticity 

into a more fluid environment over time. Overall, 5% GelMA induced the most favourable 

ASCs response. 
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Introduction 

In tissues, cells reside within the extracellular matrix (ECM). The ECM consists of 

fibrous proteins such as collagens, that provide mechanical strength and architecture; 

enmeshed in a water-retaining gel of negatively charged polysaccharides, such as 

glycosaminoglycans (GAGs) [1,2]. The ECM is commonly modelled in vitro using 

hydrogels—water-swollen polymeric networks formed by physical interactions, covalent 

crosslinks or both [3]. Hydrogels can be combined with mesenchymal stem cells (MSCs) for 

tissue engineering and regenerative medicine (TERM) purposes, including 3D bioprinting 

and to model cell-matrix interactions in 2D and 3D environments [4,5,6]. Within a 3D 

environment, MSCs will experience biochemical and biomechanical stimuli. Overall, the ECM 

regulates cellular behaviour via activation of intracellular signalling pathways [7,8,9]. In 

response, cells may degrade, deposit, and rearrange matrix components [10]. While hydrogel 

stiffness and its influence on (stem-)cell behaviour have been extensively investigated, this 

only considers the elastic response within hydrogel mechanics [7,11,12,13,14,15,16,17]. 

Recently, it has been recognised that hydrogels, just like organs and tissues, are viscoelastic 

in nature and exhibit creep and stress relaxation properties [12,18]. A viscoelastic material 

exhibits instantaneous (elastic) and time-dependent (viscous) strain in response to an applied 

constant stress, or stress relaxation as a response to applied constant strain [19]. Unlike elastic 

materials that store energy, a viscoelastic material will dissipate energy as a function of time 

due to viscous flow. Strain energy dissipation can be quantified in terms of stress relaxation. 

Thus, viscoelasticity is an inherent property of hydrogels that influences cellular responses 

[18,19]. In 3D culture, cells will initially attach to their surrounding ECM and, to put it simply, 

will “push and pull” on their adjacent environment. This cell-induced strain will be initially 

resisted by the matrix (elastic response), but this resistance will decay over time (viscous 

response) [20]. For example, spreading, proliferation and differentiation of mesenchymal cells 

such as fibroblasts and MSCs, are enhanced in hydrogels with faster stress relaxation (e.g., 

alginate) independent of the stiffness profile. This denotes that cells can sense the decrease in 

opposing forces [20,21].  
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Furthermore, matrix viscoelastic properties can be influenced by cell-derived ECM, as 

illustrated by chondrocytes cultured within an alginate hydrogel which increased the viscous 

dissipation, (i.e., facilitated faster stress relaxation) due to GAG deposition [22]. 

While the examples amassed to date offer invaluable knowledge about the influence of 

viscoelasticity on cellular processes, the current literature derives mostly from non-

(bio)degradable hydrogels and at short time scales [20,22,23]. These materials offer a 

unidirectional view on how viscoelastic microenvironments influence cells, but not vice-versa. 

Natural ECMs are degradable, with constant renewal by the cells populating them. Hence, 

initial viscoelastic properties can change over time mediated by cell-induced ECM modifications 

[24,25]. 

In this study, we employed adipose tissue derived stromal cells (ASCs) loaded into 

gelatine methacryloyl (GelMA) hydrogels. ASCs are multipotent and can differentiate into 

adipogenic, chondrogenic, and osteogenic phenotypes, among others [26]. In comparison to 

MSCs from bone marrow, higher numbers of ASCs can be easily obtained via minimally 

invasive liposuction, making their collection more convenient [27]. GelMA is a semi-synthetic 

hydrogel that stands out due to its short manufacture time, low cost, and tuneability 

[28,29,30]. GelMA is biocompatible and biodegradable, as it retains in its backbone collagen 

cell-integrin binding sequences which allows integrin-mediated cell adhesion [31,32,33]. 

GelMA synthesis is achieved by modifying gelatine’s NH2 side chains with methacrylic 

anhydride (MA) [34]. This process generates methacryloyl groups that form covalent 

crosslinks in the presence of a photo-initiator upon light exposure (UV/VIS) [35]. These 

covalent bonds prevent temperature-driven gel-sol transition seen in unmodified gelatine and 

renders GelMA suitable for use in cell culture at 37 °C [36]. Combination of GelMA-ASCs is 

of interest in TERM, where GelMA has usually been chemically tweaked or mixed with 

hyaluronic acid to drive osteogenic and chondrogenic differentiation of MSCs in a 

concentration-dependent fashion [37,38,39].  

In the literature, data that describe the impact of stromal cells over matrix time-

dependent mechanics is scarce. Therefore, in our study, we evaluated the changes in GelMA 

stiffness (elastic modulus) and viscoelasticity (stress relaxation) caused by embedded ASCs 

cultured over a period of 14 d. The stress relaxation data were analysed using a generalized 

Maxwell model. ASC morphology and viability was also assessed.  
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Subsequently, we mathematically modelled the viscoelastic changes caused by ASCs-

matrix interaction in GelMA hydrogels in vitro. 

Results 

GelMA functionalisation 

Examples of the 1H-NMR spectra derived from gelatine and GeIMA batches used in 

these experiments are shown in Figure 1. Two areas from the spectra (Figure 1a, 1c) were used 

to calculate the degree of functionalisation (DoF). Following Eq. 1, the DoF of the GelMA batch 

used in these experiments was 56 ± 0.90%. 

Figure 1. Representative NMR spectra of unmodified gelatine and GelMA. (a) phenylalanine´s aromatic rings were 

used for normalisation around 7.35 ppm (5 protons). (b) methacryloyl groups in GelMA seen as a double peak between 

5.3 – 6.8 ppm absent in gelatine. (c) indicates the lysine and hydroxylysine peaks before and after methacrylation at 2.90 

ppm. (d) corresponds to NH2 group substitutions by methyl protons of methacryloyl groups absent in unmodified 

gelatine at 1.8 ppm. 

Swelling 

The mass swelling ratio of GelMA hydrogels based on Equation (2) is shown in Figure 

2. Theoretical swelling ratio at 0 d of 5%, 10%, and 15% w/v GelMA were 20.00, 10.00, and

6.70, respectively. After reaching equilibrium swelling at 1 d, the calculated swelling ratio 

were 14.19 ± 1.28, 6.41 ± 0.43, and 4.54 ± 0.46 for 5%, 10%, and 15% GelMA, respectively.  
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Analyses showed that cell-free 5%, 10%, and 15% GelMA hydrogels differed after 1 d 

with 5% GelMA having the highest water content compared to 10% GelMA and 15% GelMA. 

Compared to 15% GelMA, 10% GelMA hydrogels also contained more water (Figure 2). 

5% 10% 15%
0

5

10

15

20

Swelling ratio

GelMA concentration

M
a

s
s
 S

w
e

lli
n

g
 R

a
ti
o

✱✱✱✱

✱✱✱✱

✱✱✱

Figure 2. Swelling ratio of GelMA hydrogels. After swelling in DPBS for 1 d and subsequent dehydration the swelling 

ratio was calculated according to Equation (2). Data derived from three samples per experiment from three 

independent experiments are shown. Data are presented as mean with standard deviation. p values are indicated *** p 

< 0.001 and **** p < 0.0001 according to One-way ANOVA and Tukey. 

Elastic modulus 

The elastic modulus (stiffness) at 0 d of cell-free 5%, 10% and 15% GelMA hydrogels 

at a strain rate of 0.2 s-1 was 6.94 ± 1.89 kPa; 72.08 ± 9.50 kPa; and 214.50 ± 24.53 kPa, 

respectively. Stiffness of cell-free GelMA did not change during the 14 d of study. The elastic 

modulus at 0 d of cell-loaded GelMA hydrogels did not differ from cell-free hydrogels at the 

same timepoint (Figure 3a). In cell-loaded 5% GelMA, the elastic modulus at 0 d (6.39 ± 0.59 

kPa), steadily decreased at 7 d (4.96 ± 0.75 kPa) and 14 d (4.86 ± 0.99 kPa). The decrease in 

stiffness was also detected between cell-loaded and cell-free hydrogels at 1 d, 7 d, and 14 d 

(Figure 3a).  

The elastic modulus of cell-loaded 10% GelMA at 1 d (70.83 ± 15.32 kPa) decreased 

after 7 d (64.41 ± 8.66 kPa) and 14 d (68.81 ± 13.43 kPa) (Figure 3a). Differences between cell-

free and cell-loaded hydrogels were found at 7 d.  

In cell-loaded 15% GelMA hydrogels, their elastic modulus decreased at 14 d (189.90 

±13.67 kPa) compared to 0 d (217.20 ± 20.74 kPa), 1 d (216.20 ± 21.01 kPa) and 7 d (216.40 ± 

22.19 kPa) (Figure 3a). Differences at 14 d between cell-loaded and cell-free hydrogels were 

also found. 
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Stress relaxation 

The percentage of stress relaxation of cell-free 5%, 10% and 15% GelMA hydrogels in 

100 s at 0 d was 7.2 ± 1.48%; 7.34 ± 1.12% and 6.95 ± 0.64%, respectively. This initial percentage 

of stress relaxation did not change significantly after 14 d in culture conditions in cell-free 

hydrogels (Figure 3b). Furthermore, comparisons between GelMA concentrations and time 

points showed that virtually all cell-free hydrogels exhibited stress relaxation percentage 

lower than 15% in 100 s.  

Cell-loaded 5% GelMA hydrogels showed a gradual and significant increase in stress 

relaxation percentage. Compared to 0 d (8.19 ± 1.12%), stress relaxation percentage increased 

at 7 d (10.49 ± 2.02%) and 14 d (11.03 ± 2.20%). Differences were also found between cell-

loaded hydrogels between 1 d (8.80 ± 1.02%) and 14 d. Higher stress relaxation percentage 

among cell-free and cell-loaded hydrogels at 7 d and 14 d was also found (Figure 3b).  

Unlike cell-loaded 5% GelMA, cell-loaded 10% GelMA hydrogels showed higher 

percentage of stress relaxation only at 7 d (7.77 ± 0.84%) compared to 7 d cell-free hydrogels 

(6.65 ± 0.61%) (Figure 3b).  

In contrast to previous GelMA concentrations, in 15% GelMA cells decreased the 

percentage of stress relaxation, from 0 d (8 ± 1.37%) to 7 d (6.28 ± 1.34) and 0 d to 14 d (6.46 ± 

0.87. Decrease in stress relaxation was also found between 1 d (7.8 ± 0.97) and 7 d and 1 d to 

14 d (Figure 3b). The average stress relaxation as a function of time during LLCT can found 

in Figure 3c. 
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Figure 3. Elastic modulus and percentage of stress relaxation of GelMA hydrogels after 14 days in culture. (a) Elastic 

modulus of cell-loaded (ASC) and cell-free (Control) 5%, 10%, and 15% GelMA at a strain rate of 0.2 s−1 during the first 

second of compression. (b) Percentage of stress relaxation at constant strain constant over 100 s of cell-loaded and cell-

free 5%, 10%, and 15% GelMA. (c) Average stress relaxation normalised to start from 100% for 100 s. Data derives from 

a minimum of five non-paired samples per timepoint, from three independent experiments. Data are presented as mean 

with standard deviation. p values are indicated * p < 0.05, ** p < 0.01, *** p < 0.001 and **** p < 0.0001 according to Two-

way ANOVA and Tukey. 
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Maxwell analysis 

Fitting stress relaxation data into a Maxwell model determined the number of 

Maxwell elements. According to the average tau (τ) values (Table 1), the first 

Maxwell element remained active during τ1≤  1 s; the second element 1 τ <2≤  10 s; the third 

element 10 τ <3 ≤ 100 s and the fourth element was active τ4> 100 s. Based on these criteria, 

5% GelMA hydrogels required three Maxwell elements, with no first element detected. In 

both 10% and 15% GelMA hydrogels all four Maxwell elements were required to fit the 

experimental data (Figure 4). The presence of cells did not influence the number of Maxwell 

elements at any timepoint.  

The relative importance (Ri) of certain Maxwell elements behaved similarly across 

GelMA concentrations irrespective of cells. For example, the Ri of the first and 

second elements in 10% and 15% GelMA remained below 3% (Figure 4b, 4c, 4d, 4e). In all 

GelMA concentrations and conditions, the highest Ri was found in the Maxwell element 

with the longest relaxation time constant i.e. the fourth element (Figure 4i, 4j, 4k).  

In 5% GelMA, comparison between 0 d and 14 d showed that cells increased the Ri of 

both the second and third Maxwell elements, while the Ri of the fourth element decreased in 

the same period of time. Such differences were also found between cell-loaded and cell-free 

hydrogels at the timepoints before-mentioned (Figure 4a, 4f, 4i). 

In 10% GelMA, only the fourth element decreased in Ri between 0 d compared to 14 

d and between cell-free and cell-loaded hydrogels at 14 d. All of the other Maxwell 

elements remained unchanged. Differences were also found in the fourth element 

for cell-free hydrogels between 1 d and 7 d (Figure 4j).  

For cell loaded 15% GelMA hydrogels, the Ri of the third element decreased 

significantly between 0 d and 7 d; 0 d and 14 d; and 1 d to 7 d. Differences between 7 d cell-

loaded and cell-free hydrogels were also found. In contrast, the Ri of the fourth 

Maxwell element increased between 0 d and 7 d; 1 d to 7 d; 1 d to 14 d. Differences between 

the Ri of cell-loaded and cell free hydrogels at 7 d were also found. Among cell-free 

hydrogels, the Ri at 0 d was greater than at 1 d (Figure 4h, 4k).  
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Figure 4. Relative importance of each Maxwell element of GelMA hydrogels after 14 days in culture. Fitting GelMA 

stress relaxation data into a generalised Maxwell model determined the number of Maxwell elements 1 ( 1 s), 2 (1  

10 s), 3 (10  100 s) and 4 ( 100 s) as well as the contribution of each element (relative importance or Ri) to the stress 

relaxation process (a – k). Changes in Ri of each Maxwell element in 5% (c, f, i), 10% (a, d, g, j) and 15% GelMA (b, e, h, 

k) are shown. Data derives from a minimum of five non-paired samples per timepoint, from three independent 

experiments. Data are presented as mean with standard deviation. P values are indicated *p <0.05, **p <0.01, ***p <0.001 

and ****p <0.0001 according to Two-way ANOVA and Tukey.
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Cell morphology and viability 

All cells exhibited a rounded morphology immediately after seeding in all GelMA 

concentrations. For cells cultured in 15% GelMA, this initial morphology did not change after 

14 d (Figure 5a) and their viability significantly decreased from 90.1% at 0 d, to 37.46% at 7 d 

and to 24.34% at 14 d (Figure 5b). In contrast, cells in 5% GelMA started spreading as soon as 

1 d, and were larger and also stretched through the gel. The ASC in 5% GelMA also had 

filipodia throughout these experiments (Figure 5a). Median cell viability in 5% GelMA, 

decreased from 98% at 0 d to 84% after 14 d (Figure 5b). In 10% GelMA, cells spread to a lesser 

degree, but did display an increased in volume (size) compared to cells in 5% GelMA, with 

this process being more prominent in areas of clustered cells (Figure 5a). In 10% GelMA, 

median cell viability decreased from 93% at 0 d to 76% at 14 d (Figure 5b). Nevertheless, cell 

viability decreases detected in 5% and 10% GelMA were not significant. Cells were visible 

throughout all the conditions examined and occasionally on top of the gels. 
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Figure 5. ASC morphology and viability in 5%, 10% and 15% GelMA over 14 d. (a) Cells were stained with Calcein AM 

(green) and the nuclei of dead cells stained with PI (red). Scale bars depict 25 µm (magnified view) and 200 µm 

(landscape view). (b) Cell viability percentage was calculated based on ImageJ quantification of fluorescently labelled 

cells. Data derives from three independent experiments. Data are presented as median (dash line) and quartiles (dotted 

lines) (Brown-Forsythe and Welch ANOVA and Dunnett´s T3 tests *p <0.05; **p <0.01; ***p <0.001).  
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Discussion 

In this study, we found that ASCs modify not only the stiffness but the viscoelasticity of 

GelMA hydrogels. We showed that cells transformed hydrogel viscoelasticity into a more fluid-

like environment. We established that cell-induced viscoelastic changes can be accurately 

quantified using a generalised Maxwell model of viscoelasticity. Through this model we found 

that GelMA concentration influenced the elastic modulus (stiffness)and number of Maxwell 

elements, whereas cells influenced percentage stress relaxation and relative importance (Ri) of 

individual Maxwell elements over time. 

GelMA hydrogels showed a concentration-dependent rise in stiffness. The elastic 

modulus of our hydrogels, at a strain rate of 0.2 s−1, differed from other GelMA hydrogels with 

a similar polymer concentration and degree of functionalisation (DoF 56%) [30,32,40]. Such 

variations in stiffness can be due to the wide variety of photopolymerisation conditions. Higher 

light intensity augments the stiffness of GelMA hydrogels with equal DoF, polymer and 

photoinitiator concentrations [30]. Since the viscoelastic nature of hydrogels makes their 

stiffness strain rate-dependent, inconsistencies can be due to the diverse methods used in 

assessing the elastic properties, as remarked in a recent review [41]. 

Cells did not interfere with GelMA photopolymerisation and crosslink formation, nor 

was cell viability affected by exposure to UV/VIS-light radiation. Compared to more 

concentrated hydrogels, 5% GelMA had greater cell viability, marked spreading, and elongated 

morphology over 14 d. Lower cell viability has also been reported in other hydrogels used for 3D 

cell culture with increasing polymer concentrations [40]. In our work, embedded cells reduced the 

stiffness of GelMA hydrogels at varying rates irrespective of polymer concentration. The elastic 

modulus of 5% GelMA started diminishing within 1 d of cellular activity, while in 10% and 15% 

GelMA, a decrease in stiffness was detected much later i.e., at 7 d and 14 d, respectively. This 

corroborates with the reduction of GelMA hydrogel tensile strength by 3T3 murine fibroblasts 

over a 96 h period [42]. Even so, the elastic modulus found in our work is in the scope of reported 

physiological stiffness of lung, muscle, and cartilage, corresponding to stiffness of 5%, 10%, and 

15% GelMA, respectively [41,43]. The organs and tissues before-mentioned may require tissue-

engineered approaches addressing pathological events. Thus, employing GelMA-ASC constructs 

that resemble the native stiffness of the organ in need of repair may help to improve the design of 

TERM-aimed constructs. 
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Viscous dissipation of mechanical stress (stress relaxation) depends on the water 

content of a hydrogel, i.e., its swelling ratio. Our data showed that the GelMA swelling ratio 

was inversely proportional to the polymer concentration, which corroborates previous 

literature [14,40,44,45]. Comparison between the theoretical swelling ratio at 0 d from the 

calculated at 1 d indicates that GelMA hydrogels lost mass within 24 h. Unlike the elastic 

modulus, stress relaxation of freshly prepared hydrogels remained unaffected by GelMA 

concentration and swelling ratio at a value of ~15% in 100 s. In contrast, decellularised ECM 

(dECM) hydrogels exhibit more than 90% stress relaxation under similar LLCT conditions 

[43,46,47]. Rheometry data from other authors also demonstrate a predominance of the elastic 

component of GelMA [48]. Thus, GelMA hydrogels behave as viscoelastic solids whereas 

dECM hydrogels behave as viscoelastic fluids. The viscoelastic nature of hydrogels depends 

on the type of bonds and crosslinks that bind the polymer network together. Overall, 

hydrogels formed by covalent and ionic crosslinks tend to behave as viscoelastic solids, and 

have lower stress relaxation compared to ECM-derived hydrogels, predominantly bound 

through physical interactions. [18,25,49,50]. Nevertheless, our data shows that despite the 

covalent nature of GelMA bonds, their viscoelastic behaviour can change due to cell-matrix 

interactions. 

Maxwell analysis of the viscoelastic properties of GelMA, indicated that the number 

of Maxwell elements increased alongside stiffness, an observation also made in other 

hydrogel systems [43,46]. In our study, ASCs cultured in 5% GelMA increased the percentage 

of stress relaxation, transforming their pericellular elastic environment into a more 

viscoelastic fluid-like environment. Human bone marrow-derived MSCs caused a similar 

effect on PEG hydrogels [24]. Matrix viscoelasticity requires a molecular rearrangement to 

dissipate stress, which in our study was reflected by the changes in the individual Maxwell 

elements. Viscoelastic modelling of 5% GelMA data showed that the second and third 

Maxwell elements, i.e., the fastest and intermediate elements, increased their Ri at the cost of 

a decrease in the fourth element, i.e., longest element.  

For 10% GelMA, only the fourth element changed after 14 d, but no statistical changes 

were reflected in other elements, likely due to small changes in their Ri. In contrast to previous 

concentrations, in 15% GelMA, ASCs slowed down the stress relaxation.  
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Maxwell analysis indicated that the Ri of the fourth element increased, with changes 

reflected on the third element. These findings suggest that matrix mechanics can lead to 

diverse viscoelastic outcomes in ASC loaded hydrogels.  

Cell-induced alterations in the architecture and composition of the ECM may explain 

the contrasting results in viscoelasticity among GelMA concentrations. For example, 

deposition of hygroscopic ECM molecules such as GAGs has been associated with increased 

viscous dissipation [22]. Additionally, hydrogels are porous matrices exhibiting poroelastic 

relaxation—solvent migration away from stress [51]. Tightly crosslinked hydrogels with 

reduced spatial architectures can limit such migration, and while cells can modify GelMA 

porosity [42], the overall impact of such alterations on time-dependent mechanics is elusive. 

So far, most mathematical models are unable to reconcile poroelasticity from viscoelasticity, 

as both co-exist in time [52,53]. Furthermore, hydrogels are also viscoplastic, with cells capable 

of permanently deforming the polymer network, and subsequently changing the mechanical 

properties [25,54,55]. All of these parameters could play a role in the viscoelastic remodelling 

of GelMA by ASC but decoupling them from each other is beyond the scope of our current 

study. Other limitations should be mentioned. In 3D environments, cells are located at 

different microscopy focal planes which limit tracking changes in morphology or migration 

patterns from particular hydrogel regions over time. This limitation is pronounced in areas of 

fluorescently-labelled clustered cells, as their distribution increases the fluorescent signal 

detected, causing areas to look overexposed during imaging and prevent a proper visualising 

of the cellular behaviour. LLCT performed at room temperature might underrepresent 

hydrogel viscoelasticity experienced at a physiological temperature. LLCT measured global 

changes, but it did not detect microscale changes caused by the cells to their pericellular 

region. Distinct cell-loading densities and cell viability might also affect hydrogel 

viscoelasticity, but it is unknown as to what degree it could alter hydrogel time-dependent 

mechanics. 
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Methods 

GelMA synthesis 

Medical grade gelatine type A, 99.8 kDa MW, 262 g Bloom (MedellaPro® >600MW, 

Leverkusen, Germany) was dissolved in 1x Dulbecco´s phosphate-buffered saline (DPBS; 

BioWhittaker® USA) and 0.6 mL of MAA (Sigma-Aldrich, Darmstadt, Germany) added per 

gram of gelatine at 60°C under gentle stirring. After three hours, the solution was diluted in 

an equal volume of 1x DPBS and centrifuged at 2000 G for 5 min to separate any unreacted 

MAA. The supernatant was collected and its pH adjusted to 7.4 with 2 M sodium hydroxide 

(NaOH). The pre-GelMA stock solution was dialysed for a week in a 14 kDa cut-off cellulose 

membrane (Sigma-Aldrich) against demi-water at 50°C with twice daily changes of demi-

water. The remaining solution was lyophilised in a Free Zone® 2.5 Plus freeze 

dryer (Labconco Corporation, Kansas City, USA) at -80°C for five days. The lyophilised 

GelMA was stored in the dark at -20°C until further use. 

Determination of GelMA degree of functionalisation (DoF) 

The efficiency of substitution of NH2 groups by methacryloyl groups, also known as 

the degree of functionalisation (DoF), was assessed through ¹H-Nuclear Magnetic 

Resonance (¹H-NMR) as described previously [56]. For this, 20 mg of both GelMA and 

non-modified gelatine were dissolved in 1 mL of D2O at 40°C. The samples were 

placed inside 5 mm diameter, 100 MHz Wilmad® NMR tubes (Wilmad-LabGlass, New 

Jersey, USA) and analysed with an Avanced™ Neo 600 MHz spectrometer (Bruker, 

Rheinstetten, Germany). Each sample underwent 16 cycles with a 5 s delay between cycles. 

The resulting 1H-NMR-spectra were analysed using MestReNova® v14.0 (Mestrelab 

Research S.L., Santiago de Compostela, Spain). The chemical shift scale was adjusted 

using the D2O peak and normalised using phenylalanine’s aromatic rings. The DoF were 

calculated by dividing the area of the lysine peak before (b) and after (a) functionalisation 

as mentioned in Eq. 1.  

𝐷𝑜𝐹 =  1 − (
 𝑎

  𝑏  
)  𝑥 100   (1) 
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Hydrogel preparation 

Lyophilised GelMA was dissolved in 1x DPBS at 5%, 10%, and 15% (w/v) 

concentrations at 60°C and mixed with lithium phenyl-2,4,6-trimethylbenzoylphosphinate 

(LAP; Allevi Inc, Philadelphia, USA), a photoinitiator, at 0.5% (w/v) concentration. Once 

dissolved, the GelMA working solution was sterilised with a 0.2 µm polyethersulfone (PES) 

membrane filter (Corning®, Kaiserslautern, Germany) and stored at -20°C.  

3D cell culture and photopolymerisation 

Immortalised human adipose tissue-derived stromal cells (iADSC13) between 

passages 19 to 23, negative for Mycoplasma spp, were expanded in culture medium composed 

of high glucose Dulbecco's modified Eagle medium (DMEM; Lonza, Walkersville, USA) 

containing 10% Fetal Bovine Serum (FBS; Sigma-Aldrich), 1% Penicillin-Streptomycin (Pen-

Strep; Gibco™, Paisley, Scotland) and 2 mM L-glutamine (BioWhittaker®, Verviers, Belgium) 

and cultured at 37°C, 5% CO2. Upon reaching 80 - 90% confluence in tissue culture plates cells 

were detached using 0.5% Trypsin EDTA (Gibco) and centrifuged at 2000 g for 5 min. The cell 

pellet was resuspended in fresh culture medium and the number of live cells calculated using 

both a Z2™ Coulter Counter® particle count and size analyser (Beckman Coulter™, 

California, USA) and by trypan blue staining. Aliquots containing 7 x 105 cells were 

centrifuged again, the supernatant removed and the cell pellet was resuspended in 350 µL of 

either 5%, 10%, or 15% GelMA working solution thawed at 37.5°C. For hydrogel moulding, 

polycaprolactone (PCL; Allevi Inc.) containers of 2.4 mm (h) x 14 mm (d) were 3D printed 

under sterile conditions with a Biobots I bioprinter (Allevi Inc.) at 130°C, 90 PSI. Hydrogels 

were cast in the PCL moulds and photopolymerised using the bioprinter’s UV lamp (405 nm) 

at 7 mW/cm2 for 5 min. Cell-free GelMA hydrogels were used as controls. After 

photopolymerisation, all hydrogels were carefully removed from the moulds and incubated 

at cell culture conditions (37°C, 5% CO2) until subsequent analysis. 
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Cell viability 

Cell viability, spreading and morphological examination of ASC were assessed using 

a Live/Dead fluorescent staining at 0 d, 1 d, 7 d and 14 d. Cell-loaded hydrogels were washed 

three times with DPBS and mixed with the Live/Dead working solution composed of 5 µM 

calcein-AM (Life Technologies®, Eugene, USA) and 2 µM propidium iodide (PI; Sigma-

Aldrich) dissolved in culture medium in the absence of FBS. Hydrogels were gently shaken 

at room temperature for 10 min to facilitate diffusion of the working solution and then 

incubated at 37°C, 5% CO2 for an additional 20 min. The hydrogels were washed again with 

DPBS and imaged with EVOS® FL digital inverted microscope (Electron Microscopy Sciences, 

Hatfield, USA) using the following light cubes: GPF (λex 470/22 nm / λem 525/50 nm), and Texas 

Red (λex 585/29 nm / λem 628/32 nm) to visualise calcein AM and PI, respectively, at 10x 

magnification. Micrographs were analysed using using ImageJ Ver 1.52p 

(https://imagej.nih.gov/ij/) [57]. All images were transformed into 8-bit, threshold and 

contrast were corrected to reduce hydrogel autofluorescence, which facilitated particle 

segmentation and quantification.   

Swelling 

The swelling ratio tells us the fluid to solid ratio in the hydrogel i.e. weight of DPBS 

present in the hydrogel divided by the dry weight of GelMA. Acellular GelMA hydrogels 

were incubated in 1x DPBS for 1 d to reach swelling equilibrium. Afterwards, hydrogels were 

briefly blotted against paper to remove excess liquid drops and weighed (Ws) on a balance 

(Sartorius Lab Instruments, Goettingen, Germany) before being placed inside a RapidVap® 

vacuum evaporation system (Labconco Corporation). Hydrogels were dried at 45°C using 

negative pressure at 25% vortex speed for 1 d. The remaining weight (Wd) was measured and 

the swelling ratio calculated according to Eq. 2.  

𝑆𝑤𝑒𝑙𝑙𝑖𝑛𝑔 𝑟𝑎𝑡𝑖𝑜 =
𝑊𝑠−𝑊𝑑

𝑊𝑑
(2) 
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Characterisation of GelMA viscoelastic properties 

Changes in the mechanical integrity of cell-loaded and cell-free (control) GelMA 

hydrogels were monitored at 0 d, 1 d, 7 d and 14 d, by performing a stress relaxation test in 

compression on the Low-Load Compression Tester (LLCT) [58,59,60].  Data acquisition and 

visualised in real-time was done using LabVIEW 7.1, and subsequently analysed using a data 

fitting routine written in MatLab 2018 (MathWorks® Inc., Natick, USA). At first the hydrogel 

was compressed to 80% of its original thickness (i.e. a strain, , of 0.2 was induced) at a strain 

rate (𝜀̇) of 0.2 s-1 in an enclosed environment at ≅ 25°C. All gels were compressed with a 2.5 

mm diameter plunger at three different locations, ensuring at least 2.5 mm distance between 

both the hydrogel edges and each compression site. During compression, the increase in stress 

was continuously measured and the slope between stress and strain curve was taken as the 

elastic modulus. Once the strain reached 0.2, it was maintained at this level for 100 seconds 

and stress continuously monitored. Percentage stress relaxation was calculated by comparing 

the stress at t=0 s and t=100 s. The relaxing stress as a function of time ((t)) was divided by 

the constant strain of 0.2 to get the value of relaxing modulus E(t). A generalized Maxwell 

model shown in Eq. 3 was then fitted to the experimental data to get the values of Ei and i for 

individual Maxwell elements. The i was the relaxation time constant for each individual 

Maxwell element and was the ratio of i (dashpot) and Ei (spring) for that element. The 

number of Maxwell elements necessary to fit the experimental data was determined by both 

looking at the fit visually and with the help of the plot which shows a decrease in Chi2 value 

with the addition of every extra Maxwell element. The number of Maxwell elements were 

chosen for which no further decrease in Chi2 was observed. 

𝐸(𝑡) = 𝐸1𝑒−𝑡/𝜏1  + 𝐸2𝑒−𝑡/𝜏2  +  𝐸3𝑒−𝑡/𝜏3  + … 𝐸𝑛𝑒−𝑡/𝜏𝑛  (3) 

The relative importance (Ri) of each Maxwell element in terms of percentage within 

the relaxation process was expressed as the proportion of its spring constant, Ei, to the sum of 

all spring constants (Eq. 4) [58,59,60].      

   𝑅𝑖 =  100.
𝐸𝑖

∑ 𝐸𝑖
𝑛
𝑖=1

(4) 
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Statistical analyses 

All statistical analyses were performed using GraphPad Prism v9.1.0 (GraphPad 

Company, San Diego, USA). All data were searched for outliers using the robust regression 

and outlier removal (ROUT) test and analysed for normality using Shapiro-Wilk and 

D'Agostino & Pearson tests [61,62,63]. Based on this, LLCT data with an R2 value >0.950 from 

the linear regression stress-strain curve data were analysed using two-way ANOVA and 

Tukey’s post-test. Swelling ratio data were analysed with one-way ANOVA and Tukey’s 

post-test. Cell viability were analysed using Brown-Forsythe and Welch ANOVA and 

Dunnett´s T3 post-test. Graphs are presented as mean values with standard deviation (SD) or 

median values with quartiles. P values below 0.05 were considered statistically significant.  

Conclusions 

We conclude that ASCs transformed GelMA viscoelasticity into a more fluid 

environment and altered hydrogel mechanical stability. Out of the concentrations studied 

here, 5% GelMA provided the most conducive biomechanical environment for ASC cells to 

spread and remain viable. Their cellular response in turn, caused the most viscoelastic 

remodelling towards viscoelastic fluid, observed as changes in elastic modulus, stress 

relaxation and Ri of individual Maxwell elements over time. Whether changes in the Ri of each 

Maxwell element is due to matrix degradation, ECM deposition, or cellular processes that 

induce permanent deformation of the hydrogel structure remains an intriguing question. 
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Abstract 

Adipose tissue-derived stromal cells (ASCs) are of interest in tissue engineering and 

regenerative medicine (TERM) due to their easy acquisition, multipotency and secretion of a 

host of factors that promote regeneration. Retention of ASCs in or around lesions is poor 

following direct administration. Therefore, for TERM applications, ASCs can be 

‘immobilized  ’by incorporation into hydrogels such as gelatine methacryloyl (GelMA). 

Tweaking GelMA concentration is a common approach to approximate the mechanical 

properties found in organs or tissues that need repair. Distinct hydrogel mechanics influence 

the ability of a cell to spread, migrate, proliferate and secrete trophic factors. Mesenchymal 

cells such as ASCs are potent remodellers of the extracellular matrix (ECM). Not only do ASCs 

deposit components but they also secrete matrix metalloproteases (MMPs) which degrade 

ECM. In this work, we investigated if GelMA polymer concentration influenced the 

expression of active MMPs by ASCs. In addition, MMPs’ presence was interrogated with 

regard to ASCs morphology and changes in hydrogel ultrastructure. For this, immortalised 

ASCs were embedded in 5%, 10% and 15% (w/v) GelMA hydrogels, photopolymerised and 

cultured for 14 d. Zymography in situ indicated that MMPs had a variable, hydrogel 

concentration-dependent influence on ASCs-secreted MMPs. In 5% GelMA, ASCs showed a 

high and sustained expression of MMPs, while in 10% and 15% GelMA such expression was 

almost null. ASCs morphology based on F-actin stain showed that increasing GelMA 

concentrations inhibit their spreading. Scanning electron microscopy (SEM) showed that 

hydrogel ultrastructure in terms of pore density, pore size and percentage porosity were not 

consistently influenced by cells. Interestingly, changes in ultrastructural parameters were 

detected also in cell-free materials, albeit without a clear trend. We conclude that hydrogel 

concentration and its underlying mechanics influenced MMP expression by ASCs. The exact 

MMPs that respond to these mechanical cues should be defined in follow-up experiments.  
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Introduction 

Adipose tissue-derived stromal cells (ASCs) are plastic adherent cells that express 

surface markers common to mesenchymal stromal/stem cells (MSCs) [1–3]. ASCs are 

multipotent and able to differentiate into adipocytes, osteoblasts, chondrocytes and other 

phenotypes [4]. ASCs acquisition via liposuction makes these readily accessible, abundant 

and overall more convenient than other MSCs sources, such as bone marrow [5]. Hence, ASCs 

are ideal candidates for clinical applications for the reasons before-mentioned. Such 

applications are commonly performed via systemic or local injections at the afflicted site [2,6–

10]. However, these approaches face disadvantages such as limited cell retention and low cell 

viability at the targeted anatomical site [11].  

ASCs can be combined with carrier biomaterials such as hydrogels to tackle the before-

mentioned disadvantages [11–14]. Hydrogels are 3D polymer networks with high water 

retaining capacities, formed by covalent and non-covalent bonds [15,16]. These polymer 

networks mimic ECM biophysical properties that are not possible to replicate by traditional 

2D cultures [17,18]. The loading of ASCs into hydrogels, including those based on gelatine 

methacryloyl (GelMA) [19,20], is described in literature [16,21,22]. The combination of ASCs 

and GelMA has tissue engineering and regenerative medicine (TERM) potential [23–26]. 

Literature reports GelMA-ASCs combination for skin, bone, cartilage and vascular network 

in vitro formation within the TERM field [30–32]. GelMA stands as an inexpensive, rapidly 

manufacturing semi-synthetic material derived from collagen. GelMA harbours the 

advantages of natural-derived hydrogels: biocompatibility and biodegradability; and 

synthetic hydrogels: tuneable mechanical properties [19,27]. GelMA hydrogels are formed 

primarily via covalent bonds under UV/VIS light photopolymerisation. Such covalent 

crosslinks allow GelMA to retain shape fidelity under standard cell culture conditions [27–

29].  

Tweaking hydrogel concentrations is a common approach to approximate the 

mechanical properties of native tissues for TERM purposes [33–35] When in 3D, cells sense 

the mechanics from their pericellular environment and elicit biological responses [36,37]. The 

expression of matrix metalloproteases (MMPs), among other enzymes, enable cells to degrade 

their surrounding environment, facilitating their spreading, migration, or proliferation, 

among others [38].  
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ASCs can alter the stiffness and viscoelasticity of GelMA hydrogels [39] through 

elusive mechanisms, but that might relate to a combination of MMPs degradation and matrix 

deposition. Thus, in this work, we investigated if the expression of ASCs-derived MMPs 

would be altered by hydrogel concentration. We also investigated if MMPs expression could 

be reflected in hydrogel swelling ratio and ultrastructure changes after 14 days. We also 

evaluated ASCs morphology in histological stains. If GelMA-ASCs constructs are aimed for 

clinical use, their characterisation in vitro is relevant to know the end product before patient 

applications. 

Methods 

GelMA synthesis

GelMA was synthesised by a one-pot method using medical grade gelatine type A, 

99.8 kDa MW, 262 g Bloom (MedellaPro® >600MW, Leverkusen, Germany). Gelatine (100 g) 

was dissolved in 1x Dulbecco´s phosphate-buffered saline (DPBS; BioWhittaker® USA) and 

0.6 mL of Methacrylic anhydride (MAA; Sigma-Aldrich, Darmstadt, Germany) was added 

per gram of gelatine at 40°C with gentle stirring for three hours. The solution was diluted in 

an equal volume of 1x DPBS, centrifuged at 2000 G for 5 min. and the supernatant decanted 

into a 14 kDa dialysis tube (Sigma-Aldrich). The tube was dialysed for a week at 30°C with 

demi-water that was replaced twice daily. Once the dialysis was completed, the solution was 

lyophilised in a Free Zone® 2.5 Plus freeze dryer (Labconco Corporation, Kansas City, USA) 

at -80°C until dry. The degree of functionalisation (DoF) was determined through 1H-Nuclear 

Magnetic Resonance (1H-NMR) as described previously [39]. The GelMA working solution 

was prepared by dissolving the lyophilised GelMA powder in 1x DPBS at 5%, 10% and 15% 

(w/v) concentrations. All working solutions were mixed with the photoinitiator lithium 

phenyl-2,4,6-trimethylbenzoylphosphinate (LAP; Allevi Inc., Philadelphia, PA, USA), at a 

concentration of 0.5% (w/v) at 50°C. Once dissolved, the working solutions were filter-

sterilised with 0.2 µm polyethersulfone membrane filters (Corning®, Kaiserslautern, 

Germany) and stored in the dark at -20°C until further use. 
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3D cell culture 

Immortalised ASCs (iADSC13) [40] were cultured in gelatine coated T75 flasks 

(Corning® Costar®, Darmstadt, Germany) in growth media composed of high glucose 

Dulbecco's modified Eagle medium (DMEM; Lonza, Walkersville, USA) containing 10% Fetal 

Bovine Serum (FBS; Sigma-Aldrich), 1% Penicillin-Streptomycin (Gibco™, Paisley, Scotland) 

and 2 mM L-glutamine (BioWhittaker®, Verviers, Belgium).  

All cells were harvested with 0.5% trypsin-EDTA (Sigma-Aldrich) after reaching 80% 

confluence and counted with an automated cell counter (Beckman Coulter™, California, 

USA). Aliquots of 7 x 105 ASCs were resuspended in 350 µL of either 5%, 10%, or 15% (w/v) 

GelMA working solutions thawed at 37°C. The GelMA-ASC suspensions were cast in 48 well 

plates (Corning®) and photopolymerised at 7 mW/cm2 for 5 min. with a UV/Blue light lamp 

(405 nm). All gels, including cell-free (acellular) hydrogels, were cultured in growth media 

for 1 d, 7 d and 14 d at 37°C, 5% CO2 (Figure 1a). Only cells negative for Mycoplasma spp from 

passages 19 to 22 were employed in these experiments. 

ASCs morphology 

Cell-loaded hydrogels of 1 d, 7 d and 14 d were fixed with 2% formalin for 24 h, 

followed by a series of ethanol dehydration and paraffin wax embedded (Figure 1b). 

Sections of 4 µm thickness were prepared with a microtome and mounted in microscopy 

slides StarFrost® (Waldemar Knittel, Braunschweig, Germany). All sections were 

conventionally deparaffinised in xylene and in a graded series of ethanol followed by 

hematoxylin and eosin (H&E) staining to visualise the ASC’s morphology. Sections were 

stained with Picrosirius red for 1 h in a single batch to reduce staining variability [41]. 

Staining with Texas Red™-X Phalloidin (Invitrogen™, Waltham, Massachusetts, USA) and 

4′,6-diamidino-2-phenylindole (DAPI; Sigma-Aldrich) for 1 h allowed to visualise the 

cytoskeleton and the cell nuclei. All sections were imaged with Leica DM4000B fluorescent 

microscope (Leica Microsystems, Wetzlar, Germany) with the following filter light cubes: 

DAPI (λex BP 340–380 nm / λem BP 450-490 nm) and TXR (λex BP 540–580 nm / λem BP 593–668 

nm) at 20x magnification.
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Figure 1. Methods. a) Culture of adipose tissue-derived stromal cells (ASCs) and loading in 5%, 10% and 15% gelatine 

methacryloyl (GelMA) hydrogels. b) Histology stains after 4% formalin-fixed and paraffin-embedding. Sections (4 µm) 

were stained with hematoxylin and eosin (H&E), picrosirius red (PSR) and phalloidin/DAPI stains to observe the cellular 

morphology and distribution within the GelMA hydrogels. c) In situ zymography to detect matrix metalloproteases 

(MMPs). Hydrogels were cryofixed (liquid nitrogen), cryosectioned (4 µm) and exposed to four different conditions: 

DQTM Gelatin, DQTM Gelatin/APMA (MMP activator) DQTM Gelatin/EGTA (MMP inhibitor) and DAPI alone. Cell-free 

material was also stained. d) Scanning electron microscopy (SEM) of GelMA hydrogels after fixation with 2% 

paraformaldehyde and 2% glutaraldehyde followed by freeze-drying and visualised at 1000x magnification. Created 

with Biorender.com 
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In situ zymography 

Cell-loaded and cell-free hydrogels were snap-frozen in liquid nitrogen and 

cryosectioned (4 µm thick) for experiments (Figure 1c). Evaluation of ASCs-derived MMPs 

was assessed using DQ™ Gelatin (EnzChek™ Molecular Probes, Eugene, USA) which 

consists of gelatine densely labelled with fluorescein such that its fluorescence is auto-

quenched. Upon proteolytic degradation of DQ™ Gelatin, the fluorescein is released and 

yields a bright, green fluorescence signal locally [42]. Stock solutions were prepared as the 

following: 1 mg of DQ™ Gelatin and 5 mg of DAPI (Sigma-Aldrich) were individually diluted 

in 1 ml of DPBS. Then, 20 µl of DAPI stock solution were diluted in 50 ml of DPBS to a working 

concentration of 2 μg/ml (1:2500). DQ™ Gelatin was dissolved in the DAPI working solution 

(1:5). Additionally, the presence of inactive MMPs was detected by adding 4-

aminophenylmercuric acetate (APMA) solution [3 mM/ml] at a 1:1 ratio to the DQ™ Gelatin 

working solution. Inhibition of MMPs was demonstrated by mixing the DQ™ Gelatin 

working solution with EGTA (20 mM/ml), a known MMP inhibitor [42]. The fluorescent dye 

mix (30 µl per section) was placed on top of the unfixed cryosections and incubated at room 

temperature for 1 h, protected from light. Cell-free hydrogels were also exposed to the 

conditions before mentioned. After incubation, all stained cryosections were gently washed 

with DPBS before mounting in Citifluor™ AF1 (Electron Microscopy Solutions, Hatfield, PA, 

USA) and visualised with a Leica DM4000B fluorescent microscope with the following filter 

light cubes: FITC (λex BP 460–500 nm / λem BP 512–542 nm) and DAPI (λex BP 340–380 nm / λem 

BP 450-490 nm) at 20x magnification.  

Swelling ratio 

Cell-loaded and cell-free GelMA hydrogels of 1 d, 7 d and 14 d were carefully 

removed from the 48 well plates and weighed (Ws) on a scale (Sartorius Lab Instruments, 

Gottingen, Germany). All samples were freeze-dried for 24 h and weighed again to 

determine the dry weight (Wd). The swelling ratio was calculated as shown in equation 1:  

𝑆𝑤𝑒𝑙𝑙𝑖𝑛𝑔 𝑟𝑎𝑡𝑖𝑜 =
𝑊𝑠−𝑊𝑑

𝑊𝑑
 (1) 
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Scanning electron microscopy 

Cell-loaded and cell-free hydrogels of 1 d, 7 d and 14 d were fixed with a 1:1 ratio mix 

of 1% paraformaldehyde and 1% formalin at 4°C for 24 h. After, all samples were washed 

with DPBS and Milli-Q® water, snap-frozen in liquid nitrogen and freeze-dried for 24 h. The 

lyophilised hydrogels were mounted on top of 0.5” pin stubs (Agar Scientific, Stansted, UK), 

placed inside a Leica EM SCD050 sputter coater device (Leica Microsystems B.V., Amsterdam, 

Netherlands) Ar rinsed and coated with Au-Pd one day before scanning electron microscopy 

(SEM) imaging. Hydrogels were visualised with Zeiss Supra 55 STEM (Carl Zeiss NTS GmbH) 

at 2,500x magnification, 3.0 kV and Z = 40.0 mm (Figure 1d). A minimum of six random areas 

from three specimens per condition and timepoint were imaged and used to determine the 

pore density (i.e. number of pores) pore size (µm) and porosity percentage using ImageJ Ver 

1.52p [1]. All images were transformed into 8-bit and the number and size of particles (pores) 

were calculated. 

Statistical analysis 

All statistical analyses were performed using GraphPad Prism v9.1.0 (GraphPad 

Company, San Diego, USA). All data were searched for outliers using the robust regression 

and outlier removal (ROUT) test and analysed for normality using Shapiro-Wilk and D 

‘Agostino & Pearson tests [44–46]. The swelling ratio pore size and porosity % data were 

analysed with a Two-way Analysis of variance (ANOVA) and Tukey ’s post-test. Data are 

presented as mean with standard deviation (SD) or median values with quartiles. P values 

below 0.05 were considered statistically significant. 
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Results 

Cell morphology in 3D 

H&E 

Cells were visible in all hydrogel sections with areas of clustered cells 

randomly distributed (Figure 2, red arrow). The staining intensity of the hydrogels 

increased with the GelMA concentration (a), but the nuclear material intensity remained 

similar, as shown in the magnified views (red asterisk). The most concentrated hydrogel (i.e. 

15%) showed evidence of cutting artefacts (unidirectional cutting lines) due to the 

hardness of the material. The pericellular region showed a gap between cells and hydrogel 

in many cases. 

Figure 2. H&E stain of 5%, 10% and 15% GelMA loaded with ASCs. Overview (Scale bar 100 µm) indicates the hydrogel 

(a) and the areas of clustered cells (red arrow). Such clustered areas are shown in the magnified view (Scale bar 25 µm),

positive Hematoxylin (i.e.nuclei) seen as intense purple indicated with a red asterisk. 
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F-Actin

Morphology of ASCs differed across GelMA concentrations and time points (Figure 

3). In 5% GelMA, phalloidin positive staining (red) demonstrated that cells spread at 1 d, 7 d 

and 14 d. At 7 d, it became noticeable that certain cells were organised in spheroid-like 

structures. In 10% GelMA, the cell cytoskeleton was not noticeable at 1 d, but cell spreading 

was evident at 7 d and 14 d. Compared to the previous concentrations, cells in 15% GelMA 

remained rounded, indicating null spreading 

Figure 3. ASCs morphology in 5%, 10% and 15% GelMA at 1 d, 7 d and 14 d. Sections stained with DAPI and 

Phalloidin. Representative images are shown. Scale bar represents 25 µm, all fluoromicrographs have the 

same original magnification. 



159 

|     Matrix metalloproteases from adipose tissue-derived stromal cells are spatiotemporally regulated 

by hydrogel concentration in a 3D microenvironment 

Picrosirius red 

The staining time (1 h) was kept consistent for all GelMA concentrations and the 

staining intensity of PSR increased alongside hydrogel concentration comparable to the H&E 

staining (Figure 4). PSR allowed visualising the cytoplasm (yellow) surrounding the cell 

nuclei (light purple). Cutting artefacts were present in 10% and 15% GelMA. Deposition of 

cell-derived collagen was visible in 5% GelMA as an increase in red stain surrounding the 

cells. In contrast, deposition of cell-derived collagen was not visible in 10% nor 15% GelMA 

due to the high degree of staining intensity of the hydrogel.  

Figure 4. Picrosirius red stain of cell-loaded 5%, 10% and 15% GelMA. Overview (Scale bar 100 µm) indicates the 

hydrogel (a) and the areas of clustered cells (white arrow). Such clustered areas are shown in the magnified view (Scale 

bar 25 µm), the cytoplasm of the cell and the nuclei are indicated with a cyan asterisk. 
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MMPs expression 

All ASCs secreted active MMPs irrespective of GelMA concentration after 1 d (Figure 

5a). At 14 d, active MMPs were only detected in 5% GelMA (Figure 5b) while the presence of 

inactive MMPs was detected in 5%, 10% and 15% GelMA. No MMPs were detected in cell-

free hydrogels (Figure S1).   

Figure 5a. Active ASC-secreted MMP in 5%, 10% and 15% GelMA at 1 d. Cryosections stained with DQ-Gelatin, DQ-

Gelatin/APMA (MMP activator) DQ-Gelatin/EGTA (MMP inhibitor) and DAPI only. Representative images are shown. 

Scale bars represent 10 µm (magnified view) and 50 µm (overview). 
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Figure 5b. Active ASC-secreted MMP in 5%, 10% and 15% GelMA at 14 d. Cryosections stained with DQ-Gelatin, DQ-

Gelatin/APMA (MMP activator) DQ-Gelatin/EGTA (MMP inhibitor) and DAPI only. Representative images are shown. 

Scale bars represent 10 µm (magnified view) and 50 µm (Overview). 
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Swelling ratio 

The 5% GelMA had the highest swelling ratio of all concentrations, followed by 10% 

and 15%. ASCs did not change the GelMA swelling properties when compared across 

timepoints and cell-free material (Figure 6). 

Figure 6. Swelling ratio of cell-loaded (ASC) and cell-free (Control) GelMA hydrogels at 1 d, 7 d and 14 d; calculated 

according to Equation 1. Data derived from three independent samples per timepoint. Data are presented as mean with 

standard deviation. No statistical differences were found according to Two-way ANOVA and Tukey. 

Ultrastructure

       The surface ultrastructure of cell-loaded and cell-free GelMA hydrogels was visualised 

with SEM (Figure 7), The analysis from SEM-derived images (Figure 8) showed that in all 

GelMA concentrations, the percentage porosity remained unaffected by the presence of 

cells over time. Cell-loaded 5% GelMA had a greater pore density of smaller dimensions 

than cell-free hydrogels only at 1 d.  

In 10% GelMA, cell-loaded material had a greater pore density after 14 d compared 

to 1 d and 7 d and its respective control. In contrast, the average pore size decreased after 14 

d in culture. Interestingly, differences in pore density and average pore size were detected 

in cell-free 10% GelMA. 

In 15% GelMA, pore density increased in cell-loaded hydrogels after 14 d. Compared 

to cell-loaded 1 d, the average pore size increased at 7 d but decreased at 14 d. 
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Figure 8. Analysis of GelMA architectural parameters based on SEM imaging of cell-loaded (ASC) and cell-free (Control) 

hydrogels. The pore density (i.e. number of pores), the average pore size (um) and the porosity % between cell-loaded 

(ASC) and cell-free (Control) hydrogels. Data derived from three independent samples per timepoint, from a minimum 

of five random areas per hydrogel. Data are presented as mean with standard deviation. p values are indicated * p < 

0.05, ** p < 0.01, *** p < 0.001 and **** p < 0.0001 according to Two-way ANOVA and Tukey. 
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Discussion 

      Modulating hydrogel concentration is a common approach to tailor GelMA-ASCs 

hydrogels for TERM applications. In this work, we found that Increasing 

hydrogel concentration led to an inhibition of active MMPs after 14 d in cell culture. The 

availability of active MMPs seems to be a spatiotemporal regulated process 

influenced by hydrogel concentration. Such spatiotemporal regulation of MMPs is 

described in in vivo models with pathological conditions but less studied in 3D in vitro 

models [47–49].  

MMPs facilitate cell spreading by degrading the immediate microenvironment 

and reducing the mechanical constraint from the pericellular region [50]. Hence, it was 

expected that ASCs morphology would spread the most at higher MMPs expression, 

but this only occurred in 5% GelMA. In 10% GelMA, ASCs spread after 14 d despite the 

null levels of MMPs detected. Thus, such spreading could be either derived by MMP-

independent mechanisms [51,52] or by a lack of sustained MMPs secretion up to 

14 d, hinting again towards a spatiotemporal process. In 15% GelMA, the presence of 

positively stained actin was minimal, showing no cell spreading, consistent with our 

previous report [39]. ASCs spreading follows a clear trend regarding hydrogel 

concentration, where cell spreading is facilitated at lower polymer concentrations. 

However, MMPs expression does not follow the same trend as spreading in terms of 

hydrogel concentration.  

Polymer degradation also impacts hydrogel mechanics, although most studies 

characterise such phenomenon in cell-free materials [53–56]. Such approaches overlook cell-

induced degradation and the subsequent impact on hydrogel’s 3D architecture and 

water retaining capacities. Indirect methods to evaluate hydrogel degradation include 

swelling and ultrastructure analysis. Our data did not show any differences regarding the 

swelling ratio of hydrogels and changes observed in ultrastructural parameters did not 

follow a clear trend either. The study of ultrastructure parameters evaluated 

are highly dependent on sample preparation method, which means the data is 

biased when utilising SEM [57–59]. Nevertheless, other authors concluded that 3T3 

fibroblasts increase GelMA pore sizes based on SEM imaging [56]. Other imaging 

methods such as second-harmonic generation have described a decrease in pore 

sizes of cell-loaded collagen hydrogels, a contrasting finding [60]. 
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Interestingly, cell-free GelMA also changed in terms of ultrastructure parameters 

across timepoints and it is unclear if such changes are due to artefacts during specimen 

preparation for SEM, hydrogel contraction during culture or additional changes in hydrogel 

conformation. Overall, data on the hydrogel structure in its native wet state is scarce and even 

less present when describing cell-loaded materials. We also recognise additional limitations 

of our current work. For example, matrix deposition, such as ASCs-derived collagen, was not 

discernible in PSR stain and might require further histological assessments. Evidence 

indicates that hydrogel concentration influences MMPs expression, such as MMP-2 and 

MMP-9 [61], but we did not explore particular MMPs and remains to be investigated. Since 

the type of MMPs produced by cells is linked to their lineage [62,63], the ASCs phenotype in 

the different environments should be investigated. Additionally, SEM visualisation is limited 

to the hydrogel surface and not to the internal structure where most cells are located. 

Specimen preparation for SEM introduces biases due to the dehydration steps before-

mentioned. Clearly, novel methods are required to determine hydrogel architecture and 

ultrastructure that do not rely on sample dehydration.  
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Supplementary 

Figure S1. Cryosections of cell-free 5%, 10% and 15% GelMA at 1 d and 14 d. All cryosections stained with DQ-Gelatin, 

DQ-Gelatin/APMA (MMP activator) DQ-Gelatin/EGTA (MMP inhibitor) and DAPI alone. Representative images are 

shown. Scale bar represents 50 µm (overview). 







175 

Shuxian Hu1, Francisco Drusso Martinez-Garcia1, Brenden N. Moeun2, Janette Kay 

Burgess1,2,3, Martin Conrad Harmsen1, Paul de Vos1  

1 University of Groningen, University Medical Center Groningen, Department of Pathology and Medical 

Biology, Hanzeplein 1 (EA11), 9713 GZ Groningen, The Netherlands 

2 McGill University, Department of Chemical Engineering, 3610 rue University, Montreal, QC, Canada  

3 McGill University Department of Biological and Biomedical Engineering, 3775 rue University, Montreal, 

QC, Canada  

Materials Science and Engineering: C, 2021; 

https://doi.org/10.1016/j.msec.2021.112009 



Chapter 7     | 

176 

Abstract 

Different bioinks have been used to produce cell-laden alginate-based hydrogel 

constructs for cell replacement therapy but some of these approaches suffer from issues with 

print quality, long-term mechanical instability, and bioincompatibility. In this study, new 

alginate-based bioinks were developed to produce cell-laden grid-shaped hydrogel 

constructs with stable integrity and immunomodulating capacity. Integrity and printability 

were improved by including the co-block-polymer Pluronic F127 in alginate solutions. To 

reduce inflammatory responses, pectin with a low degree of methylation was included and 

tested for inhibition of Toll-Like Receptor 2/1 (TLR2/1) dimerisation and activation and tissue 

responses under the skin of mice. The viscoelastic properties of alginate-Pluronic constructs 

were unaffected by pectin incorporation. The tested pectin protected printed insulin-

producing MIN6 cells from inflammatory stress as evidenced by higher numbers of surviving 

cells within the pectin-containing construct following exposure to a cocktail of the pro-

inflammatory cytokines namely, IL-1β, IFN-γ, and TNF-α. The results suggested that the cell-

laden construct bioprinted with pectin-alginate-Pluronic bioink reduced tissue responses via 

inhibiting TLR2/1 and support insulin-producing β-cell survival under inflammatory stress. 

Our study provides a potential novel strategy to improve long-term survival of pancreatic 

islet grafts for Type 1 Diabetes (T1D) treatment. 
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Introduction 

Transplantation of 3D bioprinted cell-laden constructs is emerging as a novel therapeutic 

strategy to restore function of damaged organs or tissues [1]. Hydrogels are leading candidates 

for cell-laden construct designs, since they allow embedding and printing of cells under 

mild conditions and possess tunable porosity for allowing rapid nutrient and waste 

product exchange [2-4]. However, the study and application of bioprinted cell-laden 

constructs has been limited by current challenges in 3D bioprinting, such as bioink 

print quality, long-term mechanical stability of the construct, and biocompatibility [5,6]. 

Alginate, is one of the most intensively studied biomaterials for pancreatic 

cell encapsulation and tissue engineering in general cell-laden constructs but is facing 

challenges for application in bioprinting [2,7,8]. Alginate is known to support graft cell 

survival and proliferation of enveloped cells and therefore preferred by many but its 

poor printability limits its application as a bioink [9]. Printability of alginate may be 

improved by inclusion of other polymers with more favorable printing properties into the 

bioink. Such a printability enhancing polymer is the block-co-polymer Pluronic F127 

(Poloxamer 407). This triblock co-polymer is widely employed as a bioink component 

due to its low cytotoxicity, reliable printability and sol-gel transition at room temperature 

[10]. Another advantage of inclusion of Pluronic F127 is the generation of micropores with 

superior porosity and immunoisolating properties [11,12]. Such micropores do not allow 

host immune cells to enter the construct while allowing diffusion of oxygen, glucose, 

nutrients, and insulin [11,13]. Furthermore, foreign body responses against alginate-based 

constructs may interfere with long-term survival of embedded cells, and impair the overall 

purpose of the alginate-based constructs [14]. To counter foreign body responses, several 

strategies have been tried that aim to modify the alginate surface structure [15,16]. One such 

approach is the coupling of immunomodulating molecules to the surface of the alginate-

based capsules. A possible candidate for this is pectin with a low degree of methyl 

esterification (DM) [12]. Pectin is a natural polysaccharide which, just like alginate, contains 

a backbone with negatively charged carboxyl groups and has been shown to inhibit TLR2/1 

signaling in several disease models including colitis [12,17].  

|     An immune regulatory 3D printed alginate-pectin construct for immunoisolation

of insulin producing β-cells 
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These pectin-backbones can interact with alginate-backbones via Ca2+ mediated 

crosslinking to create a robust hydrogel [18]. Additional advantages of adding pectin into a 

bioink is that, as recently reported by our research group, it protects pancreatic β-cells against 

inflammatory and oxidative stress [19] and it promotes differentiation of mesenchymal stem 

cells into vascular endothelial cells, thereby potentially improving graft oxygen supply after 

implantation [20,21]. As pectin and pectin-alginate solutions cannot provide sufficient 

solid-like behavior as bioink, a tri-component bioink containing low-DM pectin was 

established [22-24]. However, it is unknown whether pectin influences printability 

and integrity of the hydrogels and whether beneficial properties such as 

immunomodulation are maintained when pectin is in this incorporated format.  

In the present study we designed and tested a novel alginate-based bioink for 

encapsulation of insulin producing β-cells. Constructs 3D-printed using alginate alone, 

alginate supplemented with Pluronic F127, and alginate combined with pectin were evaluated 

on integrity, printability, and viscoelastic properties. Specific low-DM pectins were 

incorporated to reduce foreign body responses but also to enhance resistance against 

inflammatory stresses such as during exposure to the diabetogenic combination of the 

cytokines IL-1β, IFN-γ and TNF-α. The immunomodulating capacity of the low-DM pectin 

containing construct was tested in vitro and in vivo. 

Materials and methods 

Materials 

All reagents were acquired from Sigma Aldrich (St. Louis, MO, USA) and cell culture 

materials were obtained from Lonza (Basal, Switzerland) unless otherwise stated. 

Commercially extracted lemon pectins with a degree of DM DM18 [Molecular weight ≈ 53 

kDa, 3% galactose, 95% uronic acid] was obtained from CP Kelco (Lille Skensved, Denmark). 

Intermediate-G alginate [42% α-l-guluronic acid (G)-chains, 58% β-d-mannuronic acid (M)- 

chains, Mw = 428 kDA] was obtained from ISP Alginates (Girvan, UK). Pluronic F127 with an 

average molecular weight of 12.6 kDa was obtained from Sigma Aldrich.  



|     An immune regulatory 3D printed alginate-pectin construct for immunoisolation

of insulin producing β-cells 

179 

          Alginate and pectins were purified as previously described [25,26]. Briefly, 

pectin was dissolved in 1 mM sodium ethylene glycol tetraacetic acid (EGTA) solution at 4°

C to a 1.35% solution. Then, the pectin solution was successively filtered through 5 μm, 1.2 

μm, 0.8 μm, 0.45 μm, 0.22 μm filters. The pH of the solution was adjusted to 2 by adding of 2 

N HCl + 20 mM NaCl. Subsequently, the pectin solution was mixed with a mixture of 

chloroform: butanol (4:1 ratio) at a ratio of 2:1 to extract proteins. The 

extraction step was performed twice. Afterwards, the pH of the pectin solution was 

slowly adjusted to 7 with 0.5 N NaOH +20 mM NaCl.  

The pectin solution was mixed with chloroform: butanol (4:1 ratio) mixture at a ratio 

of 4:1 for another round of extraction. After three further rounds of extraction, the 0.5 L of 

pectin solution was mixed with 2 L of ethanol for 10 min to induce pectin precipitation. 

After this, 1 L of diethyl ether was added to wash the pectin-precipitate. This was repeated 

twice. Finally, the remaining precipitate was freeze-dried (Freeze 2.5 Plus, Labconco, Kansas 

City, USA) overnight.. 

Animal experiments 

Male 8 week-old C57BL/6 mice (Charles River, Écully, France) were used as 

recipients. Dutch Central Committee on Animal Testing (CCD) and Animal Welfare 

Authority at the University of Groningen approved all described animal 

procedures (CCD project number: AVD1050020185726). All experiments and 

procedures were performed in accordance with the Institution Animal Care Committee of 

the University of Groningen. All animals received animal care in compliance with 

the Dutch Law on Experiment Animal care. 

Cell culture 

MIN6 cells (ATCC, Manassas, USA) were cultured in DMEM high glucose medium, 

containing 15% FBS, 50 μmol/L β-mercaptoethanol, 2 mmol/L l-glutamine, 50 U/mL 

penicillin, and 50 μg/mL streptomycin. Cells were cultured at 37 °C and 5% CO2. THP1-

reporter cell line (THP1-XBlue™-MD2-CD14; InvivoGen, Toulouse, France) was cultured in 

RPMI 1640 culture medium containing 2 mM l-glutamine, 1.5 g/L NaHCO3, 4.5 g/L glucose, 

10 mM HEPES and 1.0 mM sodium pyruvate, 10% FBS, 100 μg/mL Normocin™, 50 U/mL 

penicillin, and 50 μg/mL streptomycin. 
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Bioink preparation 

Purified alginate and pectin powder were sterilized under UV irradiation for 20 min. 

A weight of 8 g Pluronic F127 was dissolved in 84 g Ca2+ free Krebs-Ringers-HEPES with an 

osmolarity of 220 mOsm to obtain a 9.5% stock solution. The alginate (8%)-Pluronic F127 

(8%) bioink was prepared by adding 4 g of sterilized alginate powder in 46 g of 9.5% stock 

Pluronic F127 solution and gently mixing overnight. The pectin (2%)-alginate (6%)-Pluronic 

F127 (8%) bioink was prepared by adding 1 g of sterilized pectin and 3 g of alginate in 46 g 

of 9.5% stock Pluronic F127 solution and overnight mixing. The alginate (6%)-Pluronic F127 

(13%) ink was prepared by adding 3 g of sterilized alginate powder in 40.5 g of 16% 

Pluronic F127 stock solution and overnight mixing.  

The alginate-only inks were prepared by directly dissolving alginate in Ca2+ - 

free KrebsRingers-HEPES at concentrations of 3–8%. The solutions were then transferred 

to a sterile 10 mL syringe and then centrifuged at 3,000 × g for 1 min to remove air 

bubbles. All concentrations are expressed as percentages in mass. 

3D bioprinting

Hydrogel constructs were designed in TinkerCAD (Open 

source: www.tinkercad.com), and saved as Stereo Lithography file (STL) format. All STL 

files were transformed into G-code for layer-by-layer printing using Repetier-Host 

(Open source: www.repetier.com). Inside a flow cabinet, cell-free and cell-loaded alginate-

Pluronic bioinks were laden into a sterile 10 mL syringe locked with a 25 G flat-tip 

cylindrical needle. The syringe was loaded into the Biobots 1 desktop 3D bioprinter 

(Philadelphia, PA, USA). The bioink was then extruded from the syringe on a Petri dish 

in a controlled layer-by-layer fashion by an XYZ moving arm according to computer-aided 

design 3D models. For in vitro studies, each construct took 15 min to print and resulted in a 

design with a dimension of 14 mm side length with 3 mm strand distance and three 

layers (Figure 1a). For implantation studies in mice, construct printing took an 

average 9 min and resulted in constructs with a dimension of 8 mm side length with 

2 mm strand distance and two layers (Figure 6a). Constructs were printed at a speed of 

4 mm/s, air pressure of 50 pounds per square inch (PSI), temperature at 30 ± 3°C. 
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After printing, the constructs were crosslinked by immersing them in a 100 mM CaCl2 

(10 mM HEPES, 2 mM KCl) solution for 10 min. The resulting constructs were maintained in 

DMEM supplemented with 5 mM CaCl2 at 37°C for 3 h in a CO2 incubator before any further 

experiments. 

Figure 1. (a) 3D model of the designed construct. Structure of constructs printed using (b) 6% alginate (left) and 8% 

alginate before (middle) and after (right) crosslinking in CaCl2; (C) 6% alginate-13% Pluronic F127 before (left) and after 

(middle) crosslinking, and after 2 weeks culture (right). Scale bars depict 5 mm. 

Viscoelastic properties 

The viscoelastic properties of the hydrogels were measured using low-

load compression testing (LLCT) [27-29]. For this, 500 μl of bioink was cast in cylindrical 

shaped molds and crosslinked with 100 mM CaCl2 for 6 h. The hydrogels were left to swell 

in DMEM supplemented with 5 mM CaCl2 for 12 h. For LLCT, the hydrogels were blotted 

to remove any excess liquid and compressed at three different locations per hydrogel. 

Stiffness was determined during compression at a strain rate of 0.2 s-1 . The percentage of 

stress relaxation was calculated by comparing stress at t = 0 s and t = 100 s. Data were 

acquired using LabVIEW 7.1 (National Instruments Corp, Austin, Texas, USA) and 

analyzed in MATLAB 2018 (MathWorks® Inc., Natick, Massachusetts, USA). 
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Cell viability 

To investigate the effect of pectin incorporation in constructs on pancreatic β-cell 

viability, MIN6 mouse insulinoma cells (1 × 107 cells/mL) were mixed with the bioink and 

printed with or without pectin in the alginate solution. The cell-laden constructs were 

subsequently cultured for 7 days. Cell viability was measured at day 1, 2, 3, 5 and 7 after 

printing and culture after which live/dead staining was performed according to the 

manufacturer's protocol (Invitrogen, Carlsbad, CA, United States).  

To investigate the impact of pectin incorporation to responses of cells under 

inflammatory stress, construct-encapsulated MIN6 cells were cultured in the presence of a 

cocktail of the mouse cytokines, IFN-γ (2000 U/mL), TNF-α (2000 U/mL), and IL-1β (150 

U/mL) (all from ImmunoTools, Friesoythe, Germany). Cell viability were assessed using 

live/dead staining after 24 h incubation. All images were taken with a Leica SP8 confocal 

microscope (Wetzlar, Germany). The percentages of viable cell were measured using ImageJ 

software (Version 1.47; National Institutes of Health, Bethesda, MD, USA). 

Toll-Like Receptors (TLRs) inhibition assay 

To determine the capacity of the printed constructs to inhibit TLRs signaling, empty 

constructs were co-incubated with a THP1-reporter cell line (3 × 105 cells per well) in a 24-

well plate in presence of agonists of TLR2 (Pam3CSK4, 100 ng/mL), TLR4 

(Lipopolysaccharides, LPS, 10 ng/mL), and TLR5 (Flagellin from S. typhimurium, FLA-ST, 

10 ng/mL). This reporter cell line is derived from human monocytic cell and expresses 

pattern recognition receptors, including all TLRs [30,31]. All TLR signaling pathways result 

in activation of the nuclear factor kappa-light-chain-enhancer of activated B cells (NF-κB), 

which controls inflammatory responses [32]. The THP1-reporter cells stably express TLRs 

and an inserted genetic construct for secreted embryonic alkaline phosphatase (SEAP) 

coupled to NF-κB and the activator protein 1 (AP-1) transcription factor responsive 

promoter. An AP-1-inducible secreted SEAP reporter gene was used and is detectable with 

QUANTI-Blue™, a medium that turns purple/blue in the presence of SEAP and measured at 

OD 650 nm [17,33,34]. 

In vivo tissue responses 

To study the in vivo tissue responses, constructs with a thickness of 2 mm, a width 

of 8 mm, and a length of 8 mm were implanted in subcutaneous pockets on the back of 

C57BL/6 182 mice.
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           The constructs plus surrounding tissue were dissected from the subcutaneous pocket 

at day 28 after implantation. The retrieved constructs were fixed in 2% 

paraformaldehyde and were embedded in glycol methacrylate (GMA, Technovit 

7100; Heraeus Kulzer GmbH, Wertheim, Germany). The embedded constructs were 

then sectioned at 2 μm and stained with 1% (w/v) aqueous toluidine blue for 10 s. Sections 

were analysed using a Leica DM 2000 LED microscope with a Leica DFC 450 camera. The 

fibrotic overgrowth thickness and vessel area were analyzed using Image J software 

(Open source: imagej.nih.gov/ij). The surface area of vessels was calculated by 

dividing the total area of erythrocyte-containing luminal structures by the surrounding 

tissue area [35]. 

Analytical oxygen modeling 

To estimate the oxygenation within our 3D-printed constructs, a diffusion model was 

used to calculate the oxygen concentration within a single printed filament [36-38]. From a 

generalized oxygen transport equation (Eq. 1), an oxygen diffusion model (Eq. 2) 

can be derived by considering only radial oxygen diffusion and equilibrium. 

𝜕𝐶

𝜕𝑡
=  𝛻 ∙ (𝐷𝛻𝐶) − 𝛻 ∙ (𝑣𝐶) − 𝑞  (1)

𝐶 =
𝑞

(4∙𝐷)
(𝑟2 − 𝑟2 𝑓 ) +  𝐶𝑓   (2) 

where C is the concentration of oxygen, t is time, D is the oxygen diffusivity, v is the 

velocity field, q is the oxygen consumption rate within the filament, r is the radius within 

filament, rf is the radius of the filament, and Cf is the concentration of oxygen at filament outer 

surface. Although the parameters that are specific our constructs were not experimentally 

measured, the oxygen profile for the printed filaments were calculated using values reported 

in literature (Table 1). The oxygen profile of printed filaments that would be seeded with 

human islets (at the same seeding density) was also calculated. 
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Results 

Preparation and characteristics of constructs 

To establish an optimal alginate-based bioink for printing, the printability of alginate 

solutions over a concentration series from 3 to 8% were evaluated. As shown in Figure 1b, the 

lower alginate concentrations in the range of 3–6% were not printable due to insufficient 

solidlike behavior after printing to allow shape retention. Constructs made of 8% alginate 

solution alone were stable. However, after crosslinking with Ca2+, the 8% alginate constructs 

were rigid and inflexible in texture, which is known to compromise the survival of 

encapsulated cells [39]. To simultaneously increase the printability of the bioink and the 

flexibility of the constructs after crosslinking, Pluronic F127 was blended with the alginate 

solution to make a bioink consisting of 6% alginate-13% Pluronic F127 [11]. As shown in 

Figure 1c, this solution could readily be printed. The obtained constructs were maintained 

under culture conditions to test their stability. After 2 weeks of culture severe degradation of 

the construct was observed. The degradation was likely caused by incomplete crosslinking 

between opposing guluronic acid sequences in the backbone of alginate [40] resulting from 

the presence of the block-co-polymer Pluronic F127 that increases the distance between 

alginate molecules [41]. In our next effort to improve the long-term stability of the construct, 

we gradually increased the concentration of alginate and decreased the concentration of 

Pluronic F127. Stability of the obtained constructs was again tested after exposure to culture 

conditions.  
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From this investigation it emerged that the optimal formula for an alginate-based 

bioink was 8% alginate-8% Pluronic F127. To generate pectin-incorporated bioink with 

desired printability, 2% of the alginate was replaced by 2% pectin yielding the ultimately 

established bioink consisting of 2% pectin-6% alginate-8% Pluronic F127. The physical 

characteristics of these constructs were determined. Both the pectin-alginate-Pluronic bioink 

and the alginate-Pluronic bioink, resulted in a high-shape fidelity during printing (Figure 2a). 

These constructs maintained their integrity and proved to be stable during the 2 weeks 

exposure to culture conditions (Figure 2b). 

Figure 2. Stability of cell-free constructs printed with or without low DM pectin. (A) Representative images of printed 

and Ca2+-crosslinked constructs indicating high shape fidelity and stability over 14 days culture in DMEM 

supplemented with 5 mM Ca2+. Scale bars depict 5 mm. (B) Both constructs exhibited desired mechanical stability after 

14 days incubation. (C) Elastic modulus and percentage of stress relaxation of constructs at day 7 after bioprinting. Data 

are presented as mean ± SEM. The statistical differences were analyzed using Student's t-test. 
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Viscoelastic properties of alginate constructs are unaffected by pectin coupling 

To determine the influence of pectin incorporation on mechanical properties of cell-

free alginate-based constructs, hydrogels made with or without pectin were interrogated 

using low–load compression testing (LLCT). Pectin-alginate-Pluronic constructs had an 

elastic modulus of 220 ± 40 kPa while alginate-Pluronic constructs had an elastic modulus of 

168 ± 35 kPa at a strain rate of 0.2 s−1 (Figure 2c). The percentage of stress relaxation of 

pectin-containing and pectin-free were 51.5 ± 1.5% and 56.1 ± 2.3% in 100 s, respectively 

(Figure 2d). No differences in stiffness and percentage of stress relaxation were found after 7 

days exposure to culture conditions. 

Constructs containing pectin support viability of pancreatic β-cells under inflammatory 

stress 

As it has been shown that low-DM pectins can support pancreatic islets against 

diabetes-induced inflammatory stress [19], we first investigated the effects of pectin 

incorporation in the constructs on pancreatic β-cells without any stressor. To this end, 

mouse pancreatic MIN6 β-cells were encapsulated in the constructs followed by cell viability 

measurements at day 1, 2, 3, 5 and 7 after printing. As shown in Figure 3, pectin 

incorporation did not significantly influence cell viability during the 7-day observation 

period. In both the pectin-alginate-Pluronic construct and the control alginate-Pluronic 

construct without pectin, high level of cell viability was maintained (≥80 ± 3.7%) during the 

7 days of culture. 

To determine whether pectin incorporation can provide protective effects for β-cell 

survival under cytokine stress, we repeated the experiment in the presence of the cocktail of 

IL-1β + IFN-γ + TNF-α, which has been identified as an essential and fatal effector cytokine 

mix in the initiation of T1D [42]. After 24 h of incubation, cells in both constructs showed cell 

death (Figure 4), but β-cells encapsulated in pectin-incorporated constructs showed 

significantly higher cell viability than β-cells in alginate constructs in the absence of pectin 

(73.3 ± 3.7% vs 64.4 ± 1.8%, p < 0.01). 
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Figure 3. Cell viability of bioprinted pancreatic β-cells throughout 7 days. Viable cells are stained green, dead cells are 

stained red. Scale bars depict 200 μm. Cells were imaged with a confocal fluorescence microscope and analysed using 

Image J gradation analysis. Data are presented as mean ± SEM (n = 5). Data were analysed using two-way ANOVA. 

Figure 4. Effects of low DM pectin incorporation in constructs on printed pancreatic β-cells during exposure to 

proinflammatory cytokine cocktail, IFN-γ (2000 U/mL), TNF-α (2000 U/mL), and IL-1β (150 U/mL). Viable cells are 

stained green, dead cells are stained red. Scale bars depict 200 μm. Cells were imaged with a confocal fluorescence 

microscope and analyzed using Image J software. Data are presented as mean ± SEM (n = 5). The statistical differences 

were analyzed using t-test (**p < 0.01). 
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Pectin incorporation inhibits activation of TLR2/1 

Low-DM pectin has been suggested to inhibit dimerization and activation of TLR2/1, 

which is one of the most essential pathways of biomaterial-induced tissue responses [17,43]. 

To investigate the effects of pectin incorporation on the activation of TLRs, pectin-alginate-

Pluronic constructs were incubated with a THP-1 reporter cell line which expresses almost 

all TLRs. The cells were stimulated with agonists of the extracellular TLRs; TLR2 

(Pam3CSK4), TLR4 (Lipopolysaccharides, LPS) and TLR5 (Flagellin from Salmonella 

Typhimurium, FLA-ST) in the presence and absence of pectin containing constructs. 

This was done to study possible inhibition of the agonist-induced activation of NF-kB in 

the THP-1 cells. Agonist-stimulated THP-1 cells without constructs served as positive 

controls. Pectin incorporation into the construct, compared to positive control, reduced the 

activation of TLR2 by 33.9 ± 7.7% (Figure 5, p < 0.01) but had no effect on activation of TLR4 

and 5. Printed pectin-free constructs did not inhibit any TLR signaling in THP-1 reporter 

cells. 

Figure 5. Pectin-incorporated constructs inhibit Toll-Like Receptor 2 (TLR2), but does not inhibit TLR4 and TLR5. TLR 

inhibition was measured in a THP1-XBlue™-MD2-CD14 cell line. TLR2 (A), TLR4 (B) and TLR5 (C) were activated by 

Pam3CSK4, LPS, and FLA-ST, respectively, in presence of pectin-alginate or alginate alone constructs (n = 5). Data are 

presented as mean ± SEM. The statistical differences were analyzed using one-way ANOVA analysis with Dunnett's 

post hoc test. (**p < 0.01). 
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Constructs containing pectin exhibit high biocompatibility in vivo 

To examine the tissue response to these constructs in vivo, mice were subcutaneously 

implanted with constructs of 8 × 8 × 5 mm (Figure 6A). At 28 day after implantation, 

constructs plus surrounding tissue were dissected for histological examination (Figure 6B). 

We screened for the presence of multinucleated giant cells and granulocyte invasion [44,45], 

as signs of a foreign body response but these cells were not present in any of the tissue 

sections. Clear differences were found between the degrees of perifibrotic overgrowth of the 

two constructs. There was a significantly thinner layer of fibroblasts found on the 

pectin-incorporated construct than on the construct prepared from alginate-Pluronic (89.3 ± 

12.2 μm vs 172.3 ± 25.7 μm; p < 0.05). The tissue surrounding the constructs made of 

alginate-Pluronic exhibited slightly higher neovascularization than constructs made of 

pectin-alginate-Pluronic, but the difference was not statistically significant. 

Figure 6. Characterization of tissue responses to printed constructs in immunocompetent mice. (A) Structure of construct 

subcutaneously implanted in mice. (n = 3) (B) Tissue responses against pectin-containing and pectin-free constructs in 

C57BL/6 mice. Tissue responses are stained blue, constructs are purple. Scale bars depict 100 μm. Blood vessels are 

marked by arrows. The values of fibrotic overgrowth thickness and percentage area of blood vessel were analyzed 

using Image J software.
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Construct parameters allow for sufficient oxygenation 

To evaluate the oxygenation of the 3D printed constructs within the subcutaneous 

transplantation site, the oxygen concentration within single, 3D-printed filaments was 

estimated using a 1D diffusion model (Figure 7a). Using literature values, the oxygen profiles 

for filaments 1500-μm in diameter and seeded with 1 × 107 cells/mL were calculated. These 

profiles are shown in Figure 7b and C. It has been reported that MIN6 cells undergo hypoxia—

mediated cell death at oxygen tensions of 0.01 mM and below [46]. From the calculated 

oxygen profiles, MIN6 cells encapsulated within the 3D printed filaments presented in this 

work would not be subjected to compromising oxygen tensions. Similarly, the oxygenation in 

similar constructs, but implanted in humans would not be compromised. 

Figure 7. Estimated oxygen profiles of 1500-μm, 3D-printed filaments generated using values from literature. (A) 

Schematic illustration of filament cross-section. (B) Profile for MIN6 cells seeded at 1 × 107 cells/mL. Low (blue) and 

high (red) OCR values correspond to low (4 mg/L) and high glucose (400 mg/L) stimulation, respectively [69]. (C) 

Profile for human islets seeded at 1 × 107 cells/mL (corresponds to ~6400 IE/mL). Low (red) and high (blue) OCR values 

correspond to the lowest and highest values found in literature, respectively [70,71]. 
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Discussion 

Despite recent rapid advancements in the field of cell encapsulation to protect cells 

from the effector arm of the host immune system, a streamlined cell-laden device that allows 

for printing of cells under mild conditions and combines this with inclusion of polymers with 

high biocompatibility is still a challenge [14]. Here, we used a stepwise approach to design 

and test a 3D bioprinted, grid-shaped hydrogel construct, prepared from a bioink consisting 

of 2% pectin, 6% alginate, and 8% Pluronic F127. Alginate – a popular and well-performing 

encapsulation material – was blended with Pluronic F127 due to the triblock polymer's 3D 

printability characteristics [5,11]. We designed and bioprinted grid-shaped constructs, since 

they have an optimal surface to volume ratio and enhance exchange of oxygen and other 

nutrients for the cells within the construct. In our design cells have a maximum distance of 

1500 μm to the surrounding tissue which, depending on the cell load, should be sufficient to 

guarantee functional survival of the cells [47]. By using F127, we were able to generate porous 

structures within the crosslinked gel [11,48]. These pores have been reported to have a 

diameter of approximately 6 μm, which enhances the exchange of oxygen and other nutrients 

for the immobilized cells but still prevent infiltration of host immune cells [11,13,38]. 

The viscoelastic properties of our alginate-pectin-Pluronic gels had a similar elastic 

modulus (i.e. stiffness) as the pectin-free gels, which was about 190 kPa. The stiffness of our 

gels allowed the construct to preserve its integrity under shear force during the 

implantation procedure and while in the subcutaneous implantation site. Given that 

stiffness of a hydrogel is known to influence cell proliferation, the similar elastic modulus 

amongst our gels meant this parameter did not affect cell viability in our constructs in the 

absence of inflammation. However, although a high level of cell viability (>80%) was 

maintained during the 7 days of culture, a slight decline was observed at day 5 of culture in 

both groups. This may be caused by accumulation of a cytotoxic metabolites derived from 

the cells or effects of the exposure to high calcium during the gelation process. To support 

long-term viability of encapsulated cells, addition of extracellular matrix molecules [49,50] 

and/or inhibitors of necroptosis [51,52] might be explored.  
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Pectin incorporation did beneficially influence cell viability under inflammatory 

stress when exposed to IL-1β, IFN-γ and TNF-α. This was unrelated to the mechanic stability 

of the gels but likely due to the inhibitory effect of low-DM pectin on extracellular galactin-3 

(Gal-3) as we have previously demonstrated [19,53]. Gal-3 is a carbohydrate-binding lectin, 

which amplifies the pro-inflammatory activities of cytokines and activates NF-κB signaling 

[54,55]. By inhibiting Gal-3, through incorporation of low-DM pectin, we successfully 

protected the insulin producing β-cells from cytokine stress [56]. Furthermore, both of our 

constructs had 55% stress relaxation in 100 s. Having such a degree of stress relaxation in a 

tissue engineered-construct is advantageous, as fast stress relaxation facilitates cell 

spreading and proliferation [57]. 

Foreign body responses against constructs are in large part determined by 

the polymeric composition [14,58]. Pectin of low-DM value has been reported to bind with 

TLR2 through electrostatic forces between non-esterified galacturonic acids on the 

pectin and positive charges on the TLR2 ectodomain [17]. In days to weeks following 

implantation of islet grafts, necrosis and necroptosis of cells will occur due to damage 

done to the islets during the enzymatic isolation from the pancreas [59], which may 

be exacerbated by surgery-induced pro-inflammatory environment in the 

transplantation site [14,60]. The damaged cells secrete highly pro-inflammatory 

molecules such as so-called danger-associated molecular patterns (DAMPs). These 

DAMPs can be recognized by TLRs, especially TLR2, and subsequently stimulate a 

cascade of pro-inflammatory signaling pathways which ultimately contributes to graft 

failure.  

This current study aims on demonstrating that pectin also maintains a TLR-

modulating effect when applied as biomaterial on cell-laden constructs. A first endeavor was 

to identify suitable pectins for this application as the pectins reported to block TLR2/1 in the 

gut [17] are not applicable for bioinks as they are not readily soluble. We, therefore, tested 

readily soluble pectins with a DM value of 18 for their ability to generate constructs 

with alginate-Pluronic blend and inhibit TLR2/1. The inhibitory effect of gels containing the 

low-DM pectin on TLR2/1 signaling was confirmed using a reporter cell line [30] 

demonstrating that despite crosslinking of pectin with calcium its immune-

modulating properties were maintained. We established in vivo that this resulted in 

less fibrotic overgrowth around the pectin-containing constructs than around constructs of 

pectin-free.  
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In addition, we noticed another advantage of the pectin containing constructs, which 

was the clear separation between the pectin-containing construct overgrowth and the 

surrounding adipose and muscle tissues which facilitated easily removal; a property that will 

be beneficial when implanted grafts have to be removed and replaced. This replicability feature 

is considered to be an essential characteristic for e.g. constructs containing insulin producing 

cells generated from progenitor cells that still might have functional limitations such as chances 

for teratoma formation or multi-hormone secretion [61]. 

An optimal transplantation site should also support angiogenesis (e.g. infiltration of 

endothelial cells, pericytes, etc.) to facilitate exchange of nutrients but also of glucose and 

insulin and cellular waste products between the enveloped cells and the vessels in the vicinity 

of the grafts. We studied the vessel numbers and surface area to exclude the possibility that 

pectins via inhibition of Gal-3 on endothelial cells [20,62] may reduce graft 

vascularization during the 28 days of implantation. Favorably, pectin incorporation did not 

significantly affect vascularization which might be explained by the lack of direct interaction 

of endothelial cells and the construct surfaces. We did observe a slight non-significant 

reduction which may have been due to the lower degree of inflammation around the pectin 

containing construct which was accompanied by lower ingrowth of blood vessels. As 

natural polymers, may suffer from batch-to-batch variations in composition it is advisable 

to always determine and report on essential chemical characteristics [63,64]. 

3D bioprinting can still be considered to be in an early stage of development. It is still 

a challenge to make an optimal choice for biomaterials that meets the demands of 

biocompatibility combined with material-properties that support cell survival and function 

but also meets the strict characteristics for optimal printing such as viscosity, extrudability 

and post-printing stability [65]. Natural polymers such as alginate and pectin provide a 

favorable microenvironment that supports cell viability and proliferation [66]. Additionally, 

constructs made of these natural polymers can easily carry and release molecules that benefit 

encapsulated cell survival [67]. However, compared with synthetic polymers, it is more 

difficult to produce the polymers in a reproducible way and they may be less stable on the 

longer term [65]. To overcome possible durability issues, an internal scaffold reinforcement 

of slowly degrading coatings could be designed and investigated.  
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From the perspective of natural biomaterials, modified biomaterials that slowly 

degrade and has optimal biocompatibility properties will also support application of these 

materials as bioinks [15,68]. 

In summary, we present a novel 3D bioprinted pectin-containing construct with a 

desirable mechanical stability, a supportive effect on pancreatic β-cell survival, and with 

immunomodulating capacity. Our data suggest that the construct might have some beneficial 

properties for application as a cell-laden device for moving towards a future cure of T1D and 

other hormone-deficient diseases. 
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General discussion and future perspectives 

 

The extracellular matrix (ECM) is an acellular component of all tissues, comprised of 

protein fibres such as collagens, embedded in a water-retaining gel of glycosaminoglycans 

(GAGs). In the past, the ECM was regarded solely as a scaffold for the cells to populate and 

provide rigidity to tissues and organs. To date, it is recognised that the ECM is a bioactive 

component within the body. The molecular ECM components are sensed by cells through 

surface receptors, causing the activation of intracellular signalling pathways relevant to health 

and disease. Cellular homeostasis partially depends on ECM-driven signalling pathways, 

where ECM alterations/aberrations compromise organic function [1]. Due to its role in 

homoeostasis and pathological events incorporating the ECM into in vitro models is 

warranted [2–6].  

Among ECM properties, the mechanical component influences cellular plasticity [7,8]. 

Most of the literature characterising ECM mechanics has focused on its stiffness. Stiffness is 

the resistance of an object to deformation upon exposure to a mechanical force [9]. Response 

to mechanical deformation differs among organs and tissues. An organ or tissue can be 

regarded as “softer” or “stiffer” only in the context of other organs or materials. For example, 

the kidney is stiffer than adipose tissue but softer than cartilage [10]. Stiffness regulates cell 

spreading, survival, proliferation, morphology, differentiation and function both in vitro and 

in vivo [11–17]. However, there are two relevant biases in most studies that describe ECM 

mechanics in vitro. First, most characterisation of the cell-ECM stiffness relationship derives 

from 2D cell culture models under non-physiological conditions (Chapter 1). While 

endothelial and epithelial cells are anatomically orientated on bi-dimensional strata, most 

cells exist within a 3D environment. Second, stiffness is not the only mechanical property of 

the ECM. All organs and tissues have a viscous component, granted by their polymeric nature 

and high water content. The combination of both elastic and viscous behaviours is called 

viscoelasticity. Viscoelasticity is a time-dependent process where stress relaxes over time and 

is inherent to organs and tissues [18]. Hence, cell culture models should consider both the 3D 

and the viscoelastic properties of the ECM to be representative of the in vivo conditions [19].  
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Hydrogels are polymer networks that retain most of their mass in water and can serve 

as cell culture platforms that resemble native ECM’s mechanical properties (Chapter 1). Cell-

loaded hydrogels serve as in vitro models for studying cell-ECM interactions in biophysical 

terms [9,20–22].  

Once loaded in a hydrogel, the cell will sense the mechanics of its pericellular 

environment (i.e. stiffness) and will attach given that cell-binding motifs are present. Then, 

the cell must reconcile with the surrounding mechanical stress to spread, migrate and 

proliferate. Such mechanical reconciliation occurs due to stress relaxation (i.e. viscoelasticity), 

as the surrounding forces decrease over time [19,23,24]. Hydrogels with a high elastic 

component exhibit slower stress relaxation and are deemed viscoelastic solids (Figure 1a). 

Conversely, viscoelastic fluids are predominantly viscous and exhibit faster stress relaxation 

(Figure 1b). Evidence from both 2D and 3D models indicates that cells spread faster, 

proliferate, and differentiate into osteoblastic phenotype in viscoelastic materials with faster 

stress relaxation than materials with slow stress relaxation [18,19,24] regardless of their 

stiffness profile [25]. 

To date, modelling of hydrogel/ECM viscoelasticity has generally employed polymers 

lacking native cell-binding and cell-degradation motifs. These motif-lacking materials must 

be coupled with such to become bioactive [19,25,26]. Moreover, the viscoelastic properties of 

these materials are characterised at single time points and in the absence of cells. Thus, such 

materials highlight the influence of matrix viscoelasticity over cell behaviour, but not the other 

way around. Such data are invaluable to understand cell biology and for biomaterial design 

in tissue engineering and regenerative medicine (TERM). However, such data are also 

unidirectional as these overlook the spatiotemporal contribution of the cell to the ECM 

viscoelasticity. The cell-matrix relationship is one of constant crosstalk, a “continuous dance 

between the two” (Chapter 1). Thus, cell behaviour also alters ECM elastic and viscoelastic 

properties in return. 
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Figure 1. Stress relaxation behaviour in viscoelastic (a) solid and (b) fluid materials. Viscoelastic solids dissipate energy 

(i.e. stress relaxation) more slowly than viscoelastic fluids. 

On the elasticity of hydrogels 

In literature, hydrogel elasticity (i.e. stiffness)  is widely described and cannot be 

neglected in our study [13,27–32]. Therefore, we characterised the elastic modulus of all the 

materials employed in this thesis.  

All hydrogels in this thesis underwent low-load compression testing (LLCT) at the 

following conditions: uniaxial compression at 0.2 strain-1, at different points (~3) on the 

hydrogel surface, with an equal distance between each compression site for the positioning of 

the LLCT plunger. LLCT was undertaken in an enclosed environment at room temperature, 

determining the elastic modulus during the first second of compression. The LLCT data were 

analysed with the same MatLab script and followed the same rigorous statistics. 

Stiffness/elastic modulus values are shown in kilo Pascals (kPa). Hence, the data of 

decellularised ECM (skin, lung, cardiac left ventricle; Chapter 3), plasma-agarose (Chapter 4), 

gelatine methacryloyl (GelMA; Chapter 5) and agarose-pluronic (Chapter 7) hydrogels 

reported in this thesis derived from near-identical LLCT experimental conditions.  

The elastic modulus data indicate that increasing the polymer concentration yields 

stiffer hydrogels. However, when comparing the data, the type and number of bonds forming 

the network have a bigger role in controlling hydrogel stiffness than sole hydrogel 

concentration. Increasing the polymer concentration leads to higher macromolecular 

crowding and the presence of more binding sites, yielding stronger structures. Thus, tweaking 

hydrogel concentration is common to tailor hydrogel stiffness (Chapter 4; 5; 6).  
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Hydrogels form due to covalent and non-covalent bonds. Non-covalent bonds 

include hydrogen bonds, van der Waals forces, physical entanglement, electrostatic 

interactions, and ionic bonds. Both non-covalent and covalent bonds can be present within 

the same network. Skin-ECM, lung-ECM and left ventricle-ECM (LV-ECM) hydrogels are 

primarily formed by physical, non-covalent bonds, and driven by temperature. 

Plasma-agarose and agarose-pluronic are formed also by ionic (non-covalent) bonds. 

Meanwhile, GelMA is mainly formed by covalent bonds. Covalent bonds are stronger than 

non-covalent ones and render stiffer structures. However, comparing the data from lung-

ECM and LV-ECM hydrogels (20 mg/ml) to GelMA (50 mg/ml) showed almost identical 

stiffnesses, ~5 kPa, despite GelMA having a higher concentration. Hence, additional 

variables come into place, including the number of bonds present within the network. 

While quantifying the number of bonds present in hydrogels was beyond the scope of this 

thesis, lung-ECM and LV-ECM likely have more bonds present in their network than 

GelMA. In the case of the hydrogels with ionic bonds described in this thesis, plasma-

agarose and alginate-pluronic formulations their elastic modulus was ~15 kPa (2% w/v of 

agarose) and ~190 kPa (6%-8% w/v), respectively. The elastic modulus of alginate-pluronic 

hydrogels had comparable stiffness values like 15% GelMA (~200 kPa). Our data indicate 

that the number of bonds present in the polymer network is inherently linked to the 

source of the polymer. Given the high specificity of the native ECM, approaching organ 

and tissue stiffness could be achieved by tweaking the binding sites beyond increasing 

polymer concentrations. Future hydrogel-based research could aim toward refining the 

polymerisation of hydrogels without altering their concentration [33]. The said approach 

could reduce experimental variables and further our understanding of cell-loaded 

viscoelastic materials. Nevertheless, the wide range of stiffnesses reported in this thesis 

is similar to those reported in the literature on organs and tissue stiffness [10]. 
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Hydrogel stress relaxation properties 

Stress relaxation is the physical phenomenon where the stress imposed on a 

material decreases with time, given that the strain (i.e. deformation) is kept constant. The 

LLCT can perform a stress relaxation test by maintaining a constant deformation on a 

sample, monitoring the decrease in stress in real-time. Unlike the elastic modulus 

determined during the first second of compression, the calculation of stress relaxation 

derives from comparing the stress between t= 0 s and t= 100 s. The stress relaxation data 

showed that an increase in elastic modulus does not necessarily lead to a decrease in 

hydrogel viscoelasticity. Moreover, hydrogels behave as viscoelastic solids or viscoelastic 

fluids due to the bonds forming the network. For example, GelMA hydrogels behave as 

viscoelastic solids since their stress relaxation percentage is slow due to their covalent 

bonds (Figure 2a). Due to the strength of covalent bonds, the network deformed during 

energy dissipation, but do not break or dissociate. Hence, energy dissipation i.e. stress 

relaxation is slow. In contrast, organ-derived ECM, plasma-agarose and alginate-

pluronic hydrogels act as viscoelastic fluids due to their fast stress dissipation. All 

these hydrogels have in common non-covalent bonds that dissociate and break down 

with ease compared to covalently linked materials (Figure 2b). 

Figure 2. Example of polymer networks made with (a) covalent and (b) non-covalent. If both materials are 

submitted to the same stress-strain conditions (marked with arrows) the covalently crosslinked polymers would be 

more resistant to deformation (elasticity) than non-covalent ones. However, the non-covalent bound network would 

dissipate stress with more ease (viscoelasticity), in part of the dissociation and breakdown of the network
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The dissociation of the network allows faster spreading, migration and increased 

viability of cells cultured in 3D. These events occur as the resistance to deformation posed by 

such a network would decrease over time due to the cell “pushing and pulling” on its 

environment, remodelling its surrounds to provide its own, self-defined, optimal mechanical 

environment. Thus, a physically bound network poses less resistance for cell spreading than 

a covalent one due to the stress relaxation from their pericellular region. However, in 

hydrogels with sites prone to proteolytic degradation, cells can overcome mechanical 

confinement through enzymatic activity facilitating cell spreading and stress dissipation 

(Chapters 5 & 6).   

If the material elasticity increases, it is expected that the stress relaxation properties 

tend to decrease in response due to their prevalent elastic component that stores energy. 

Ironically, a comparison between Chapter 5 and Chapter 7 data contradicts such a statement. 

In the chapters before mentioned, 15% GelMA and 8%-8% alginate-pluronic hydrogels had 

similar stiffnesses (~200 kPa) but different stress relaxation percentages: 15% vs 53% in 100 s, 

respectively [34,35].  Both hydrogels have a reported stiffness value similar to cartilage, a 

rather stiff tissue. These data indicate that an increase in hydrogel elasticity does not 

necessarily reflect a decrease in viscoelasticity. Both GelMA hydrogels (covalent bonds) and 

alginate-pluronic (non-covalent bonds) vary in their bonds and other components, such as 

architecture.  

Under cell culture conditions, the pluronic present in the alginate-pluronic 

formulation dissolves. This dissolution would create a porous alginate network, that allows 

for the migration of hydrogel components during LLCT. The migration of water (the most 

viscous element) under stress through the interconnected pores is called poroelasticity. 

Different components within the hydrogel system will behave differently under stress. The 

hydrogel constituents or elements involved in stress relaxation can be mathematically 

modelled to understand their contribution to the viscoelastic process.   
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Mathematical modelling of hydrogel viscoelasticity 

Viscoelasticity requires molecular rearrangements to dissipate stress. However, not all 

components within a system contribute to stress dissipation to the same extent. The Maxwell 

model of viscoelasticity indicates that stress relaxation occurs not in a single time set but at 

different times. These different sets of time are granted by the distinct material constituents, 

described as (Maxwell) elements, to dissipate stress. The Maxwell model of viscoelasticity 

(Figure 3a) identifies the contribution of each element (relative importance; Ri) and the time 

(tau; τ) they remain active during stress relaxation (Figure 3b) [31,36–38]. In this thesis, we 

modelled the stress relaxation data from organ-derived decellularised ECM (Chapter 3), 

plasma-agarose (Chapter 4) and GelMA (Chapter 5) hydrogels. The number of Maxwell 

elements increased alongside material stiffness, an observation also reported by our 

colleagues [22,39]. In our work, skin-ECM had two Maxwell elements; plasma-agarose, lung-

ECM, LV-ECM and 5% GelMA had three; 10% and 15% GelMA had four. Interestingly, the 

first element was not present in 5% GelMA having only three Maxwell elements (second, third 

and fourth) contrasting 10% and 15% GelMA. 

The Ri and τ of each element also differed among materials. The first element is likely 

associated with unbound components such as water and small molecules (e.g. growth 

factors). The second element might correspond to bound water and heavy, individual 

molecules. The third and fourth elements might correlate to cells and structural constituents 

(e.g proteins) that do not dissipate stress with ease (Figure 3c). In organ-derived ECM and 

plasma-agarose hydrogels, the first Maxwell element had the most substantial Ri, confirming 

their status as viscoelastic fluids.  

Distinctively, the fourth element of GelMA hydrogels had the greatest Ri and τ. 

Although we hypothesise that particular ECM constituents might contribute to individual 

Maxwell elements, the type and number of crosslinks may influence the interpretation of the 

model. The Ri of the first element had a substantial contribution in viscoelastic fluids with 

predominant non-covalent bonds while, in covalently crosslinked GelMA, the most 

pronounced Ri came from the last Maxwell element detected. But this behaviour might not 

be limited by the type of crosslinks but also by the number of crosslinks too, as increasing 

GelMA concentration led to an extra Maxwell element, even if the overall composition, except 

for concentration, remained the same.  
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In summary, unbound water and growth factors can migrate away from stress with 

more ease than cells or heavy proteins, and can be potentially traced with the Maxwell model, 

but this requires further studies. 

Figure 3. Interpretation of the viscoelastic properties of cell-loaded hydrogels. (a) All data were analysed with the 

generalised Maxwell model of viscoelasticity, which mathematically identifies the (b) individual contribution (relative 

importance %; Ri) and time (tau; τ) each element of Maxwell remains active. (c) Theoretically, each Maxwell element 

might correspond to particular components within the hydrogel system, from water, and small molecules, to cells, and 

heavy proteins. Depending on the prevalence of each component and their bonds (covalent or non-covalent) the material 

will behave as either a viscoelastic fluid or solid. Created with Biorender.com. 

Applying the Maxwell model to other polymeric materials serves not only to predict 

their mechanical behaviour under stress but also their biological behaviour [40]. For example, 

in the food industry, Maxwell modelling is applied to predict fruit ripening (i.e. palatability) 

and firmness  [41,42], as well as the stalling of cereals [43]. 
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Studies on biofilms showed that the Ri and time (tau; τ) of the first Maxwell elements 

corresponds to that of water and small molecules [36,37]. In cell-loaded hydrogels, Maxwell’s 

modelling might predict their mechanical behaviour for TERM applications or to predict ECM 

modifications in in vitro models of fibrosis or cancer, for example [22,34]. Nevertheless, the 

interpretation of the Maxwell model of viscoelasticity within hydrogel systems remains a 

hypothetical exercise due to a lack of a systematic review and should be further explored. 

A dance between leaders and followers: when the cell takes over 

The characterisation of hydrogel viscoelasticity is mostly done before cells are loaded 

into non-degradable materials and at single timepoints [25,26,44]. Thus, said approaches neglect 

the fact that cells constantly remodel their ECM through the degradation and deposition of new 

matrix molecules and their rearrangement [26,44,45]. If we strive to understand cell-matrix 

interaction as it occurs in vivo, the 3D models employed should allow for such cell-driven events 

to occur. Part of this thesis investigated the effect of cells on hydrogel viscoelasticity. Our 

findings show that the cells’ impact on hydrogel viscoelasticity depends on the composition and 

physical nature of the polymers. Human dermal fibroblasts did not alter the elastic or 

viscoelastic properties of plasma-agarose hydrogels during a 14 d culture. In contrast, another 

connective tissue cell i.e. adipose tissue-derived stromal cells (ASCs) altered GelMA's elastic 

modulus and viscoelasticity. All GelMA-ASC constructs showed a decreased stiffness after 14 

d. However, the ASCs had increased (5% GelMA), not altered (10% GelMA) or decreased (15%

GelMA) the stress relaxation percentage. Maxwell analyses showed an increase in the Ri of the 

first Maxwell elements when stress relaxation increased. In contrast, the Ri of the last Maxwell 

element detected increased when stress relaxation decreased. These data indicate that ASCs 

loaded in GelMA hydrogels rendered their environment more viscous in lower concentrated 

hydrogels.  

While the mechanisms by which cells alter hydrogel viscoelasticity remain largely 

elusive, a combination of degradation and novel deposited matrix molecules are likely 

associated. Investigation of ASCs-derived MMPs (Chapter 6) showed that hydrogel 

concentration led to a spatiotemporal inhibition of these enzymes. Lower concentrations of 

GelMA (5%) showed a higher level of active MMPs compared to the absence of activity at higher 

GelMA concentrations (10% and 15%) after 14 d. Thus, the hydrogel concentration and its 

underlying mechanics will alter cell fate.  
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This statement is also supported by Chapter 4, where the cellular metabolic activity 

negatively correlated to higher agarose concentrations. Potential microarchitecture 

alterations induced by ASCs were explored in Chapter 5, but the results are inconclusive 

which may relate to the technique employed. Scanning electron microscopy (SEM) is the 

Gold standard to characterise hydrogel microarchitecture (Chapter 2). However, SEM is 

inherently biased due to the need for a dehydrated sample. Better characterisation 

techniques are required to visualise and characterise hydrogels in their native wet state and 

in the presence of cells.  

It is important to note that in almost all hydrogel systems reported, the cell to ECM 

ratio is on average much lower than in the corresponding tissue. In native organs, the cell-

ECM ratio varies, and proper biological in vitro modelling should strive to approximate the 

number of cells populating the tissue of interest. An increase in the number of cells within 

the hydrogel might yield different outcomes in terms of material viscoelasticity during long-

term culture. Upcoming hydrogel-based research should consider the cell-ECM ratio 

and the distinct cell types present within tissues [46–48].  

Summary and future perspectives 

In this thesis, we characterised the elastic and viscoelastic properties of hydrogels 

used as ECM models (Chapters 3, 4, 5, 7). The stress relaxation data were analysed with a 

Maxwell model of viscoelasticity (Chapters 3, 4, 5). We also described hydrogel architecture 

(Chapters 3, 4, 6) and composition (Chapter 3). We investigated the cellular behaviour 

in terms of morphology and metabolic activity of distinct cells when cultured in 3D for 14 d 

(Chapter 4, 7). All of the data generated in this thesis employed methods and techniques 

standardised in traditional cell culture models which present limitations when applied to 

polymer networks (Chapter 2) (Figure 4 and Figure 5). 

The data generated in this work, indicate that polymer composition and 

concentration, bond type (covalent or non-covalent), and the resulting architecture 

dictate hydrogel viscoelasticity. Increasing hydrogel concentration yields stiffer 

hydrogels, but stress relaxation does not. Cells are capable of altering both hydrogel 

elasticity and viscoelasticity, but these changes are dependent on cell type and the polymers 

used. The Maxwell model of viscoelasticity identified the changes made by the cells in 

respective Maxwell elements involved in the stress relaxation process. Such mathematical 

modelling allowed us to identify changes in hydrogel viscoelasticity that were not 

detected by sole stress relaxation data (percentage or time).  
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However, the association of particular hydrogel components to particular Maxwell 

elements remains elusive. Thus, further research shall consider tracing particular cell-ECM 

components and their role in time-dependent mechanics. So far, hydrogel viscoelasticity has 

overlooked the influence of cells during long term culture, a remark privately 

discussed with O. Chaudhuri [18,19,24,25]. 

Our research investigated the elasticity and viscoelasticity of hydrogels, but these 

materials are also viscoplastic and poroelastic. These parameters affect cell behaviour in yet 

unknown manners. Viscoplasticity is the permanent deformation of a material due to stress. 

Such viscoplastic behaviour is relevant to any material aimed at patient applications, such as 

cell-loaded hydrogels in TERM. 

Poroelasticity (already defined in this chapter) calculations to date are derived from 

images of the surface from dehydrated samples, proving an inherently biased method. Thus, 

it is clear that there is a knowledge gap when it comes to assessing hydrogels in their native, 

wet state. Furthermore, viscoplasticity, poroelasticity and viscoelasticity are time-dependent 

processes that overlap. This overlap complicates their characterisation in a single 

mathematical model. Both viscoplasticity and poroelasticity studies of cell-loaded hydrogels 

are lacking in the literature. 

While in this thesis, we modelled the data according to Maxwell, other viscoelasticity 

models might offer further insights into the composition of hydrogels and their changes due to 

cell interaction [49]. Incorporating more than a single cell type and at distinct ratios will 

invariably impact hydrogel viscoelasticity, albeit yet unknown to which extent. 

Mechanics are well-known drivers of stem-cell differentiation in 2D, their influence is 

not deeply investigated in 3D. Cells might differentiate after long-term culture in 3D due to 

the mechanobiological cues from their environment. In vivo, cells remodel their environment 

based on their phenotype. Possibly, the phenotype acquired by ASCs while in GelMA might 

drive the contrasting viscoelastic results found in the distinct concentrations. Moreover, the 

deposition of matrix components by the cell should be further explored. These newly 

formed ECM molecules will contribute to hydrogel mechanics. Such cell-derived matrix 

molecules are closely linked to the cell phenotype. Thus, phenotype profiling might predict 

the hydrogel-cell fate within matrix biology studies and for TERM applications before 

patient implantation. 
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Figure 4. Summary of the main findings of this thesis. Hydrogel stiffness varies among the diverse materials studied 

here: gelatine methacryloyl (GelMA), alginate-pluronic, plasma-agarose and decellularised extracellular matrix (ECM) 

from the skin, lung and cardiac left ventricle (LV). Cell-loaded hydrogels had variable stiffnesses i.e. elastic modulus 

(kPa). Depending on the polymer employed, hydrogel stiffness of cell-loaded materials either remained unaffected or 

decreased during cell culture. Viscoelasticity i.e. stress relaxation properties showed that hydrogels with covalent bonds 

(e.g. GelMA) have slower stress relaxation than those non-covalently bonded (e.g. alginate-pluronic, plasma-agarose, 

skin-ECM, lung-ECM and LV-ECM), irrespective of polymer concentration. During cell culture, cells can either increase 

(GelMA 5%), maintain (GelMA 10% and plasma-agarose 0-2%) or even decrease (GelMA 15%) the material stress 

relaxation properties. This finding highlights that cells induce contrasting viscoelastic changes irrespective of those 

caused to hydrogel stiffness. All materials showed diverse architecture, from fibrous networks (Skin-ECM, plasma-

agarose) to those with thicker fibres and large pores (GelMA). The potential effect of cells altering hydrogel architecture 

remains inconclusive as the method employed, scanning electron microscopy, is inherently biased due to specimen 

dehydration requirements. Lastly, mathematical analysis using the generalised Maxwell model of viscoelasticity 

(shown) identified changes in hydrogel viscoelasticity not detected at first glance with the stress relaxation data. 

Increasing hydrogel concentration led to an increase in the number of Maxwell elements. Maxwell analysis showed that 

in hydrogels that behave as viscoelastic fluids (Figure 1a) have a predominance of the relative importance (Ri) of the first 

and second Maxwell elements. In contrast, the hydrogels that act as viscoelastic solids have a predominant Ri on the 

third and fourth Maxwell elements. Cells altered the Ri of the distinct Maxwell elements. Increasing polymer (e.g. 

agarose) concentration, correlated with a change time (tau; τ) of particular Maxwell elements. Each Maxwell element 

might be associated with particular components within the hydrogel system (Figure 3). Created with Biorender.com. 
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Figure 5. Summary of the main findings of this thesis. In terms of cell biology within cell-loaded hydrogels, increasing 

the concentration of hydrogels led to the following observed effects: Cell spreading was more pronounced at lower 

hydrogel concentrations (Chapter 4, 5, 6) than in higher concentrations. Cell viability and the number of cells detected 

were also higher at lower hydrogel concentrations (Chapter 4, 5). The cell metabolic activity increased as hydrogel 

concentration increased. This contrasting finding might be due to the microenvironmental-induced stress on the cells.  

The expression of matrix metalloproteases decreased as hydrogel concentration increased. Created with Biorender.com. 
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Closing remarks 

“Dancing is the art of getting your feet out of the way faster than your partner can step on 

them” 

- Anonymous.

Biomedical research historically focused on the cell, disregarding its constant dancing 

partner, the ECM. Future research models should allow for both partners to co-exist. 

Researchers should aim to improve said models so that the cell and its matrix can 

representatively demonstrate their continuous dance to us, the spectators. 
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English summary 

The extracellular matrix (ECM) is a three-dimensional, acellular component of all 

organs and tissues. The ECM has elastic and viscoelastic properties, quantified through the 

elastic modulus (i.e. stiffness) and stress relaxation, respectively, that guide cell fate. 

Stiffness and stress relaxation drive cellular plasticity in homeostasis and disease. 

Therefore, to represent the mechanics of the ECM in vitro it is necessary to employ models 

that recapitulate these properties. Among said models are hydrogels: polymeric networks 

whose mass mainly consists of water. Importantly, hydrogel viscoelasticity remains an 

understudied property, notably in cell-loaded materials. Hence, this thesis investigated 

the elastic and viscoelastic properties of diverse cell-free and cell-loaded hydrogels.   

The hydrogel materials evaluated in this thesis include organ-derived ECM (Chapter 

3), agarose, human-derived platelet-poor plasma (Chapter 4) gelatine methacryloyl (Chapter 

5, 6), and alginate/pluronic (Chapter 7). These hydrogels have tissue engineering and 

regenerative medicine (TERM) potential. Particular emphasis was placed on investigating 

and mathematically modelling the elastic and viscoelastic fate of cell-loaded hydrogels. Our 

data show that increasing polymer concentration tailored hydrogel elasticity and 

viscoelasticity (Chapter 4, 5, 6, 7). Hydrogel architecture, composition and the bonds 

forming the polymer network dictate hydrogel elasticity and viscoelasticity (Chapter 2, 3, 4, 

5). Also, cells altered hydrogel stiffness and stress relaxation in a polymer type, hydrogel 

concentration and time-dependent manner (Chapter 4, 5, 6). A generalised Maxwell model 

of viscoelasticity further revealed cell-induced changes in hydrogel time-dependent 

mechanics (Chapter 3, 4, 5).  

Architecture is a hydrogel property linked to hydrogel mechanics. Adequate 

characterisation of hydrogel architecture is vital for a comprehensive overview of the 

biological events that develop inside hydrogels. In Chapter 2, we explored the 

imaging techniques employed to assess hydrogel microarchitecture. An overview of the 

working principle of each technique was presented and indicated the type of data derived 

from their use in both cell-free and cell-loaded hydrogels.   
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It is clear, that each technique comes with underlying biases due to the currently 

available sample preparation methods that require in many cases, hydrogel dehydration. 

Furthermore, inadequate/non-standardised reporting parameters hamper scientific 

reproducibility. Shortly, future technological developments will improve our understanding 

of hydrogel microarchitecture in their native and swollen 3D state.  

In Chapter 3, the stiffness and stress relaxation properties of organ-derived ECM 

hydrogels, namely skin, lung and cardiac left ventricle (LV) were characterised and 

compared. These organs are constantly subjected to mechanical forces but fulfil different 

functions. Skin responds to constant mechanical stimuli due to body movement. The lung 

undergoes inflation and deflation cycles to allow gas exchange. LV provides continuous cyclic 

contraction of the heart to pump blood. These hydrogels, due to their origin preserve many 

of the biochemical properties found in the native ECM. This chapter shows that architecture 

and composition dictate hydrogel viscoelastic properties. Differences among hydrogels were 

found when mathematically modelling the data according to Maxwell. In lung and LV three 

Maxwell elements were found, while in the skin only two. The contribution to the stress 

relaxation process also differed, with the first and second Maxwell elements being 

proportionally greater than those found in lung and LV.   

Manipulating the hydrogel concentration is a method to tailor hydrogel elastic 

properties, but this can also be used to tailor their viscoelasticity. This was further 

demonstrated in Chapter 4, where the properties of co-polymeric platelet-poor plasma-

agarose (PA) hydrogels were modulated by modifying the agarose concentration. Moreover, 

the copolymer formulation was assessed over time in the presence of human dermal skin 

fibroblasts. The data show that increasing agarose concentration increased hydrogel stiffness 

without consistent changes in stress relaxation being found at first glance. By applying a 

Maxwell model, a decrease in tau of distinct Maxwell elements could be positively correlated 

with changes in PA microarchitecture (porosity %). The increase in agarose had a detrimental 

effect on cell viability, and metabolism and decreased cell spreading. An optimal balance 

between agarose concentration and plasma was found to be 0.5% (w/v). This knowledge is 

important as cell-loaded PA hydrogels are of interest for tissue engineering and regenerative 

medicine (TERM) applications in epidermal reconstruction.   
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In Chapter 5, we investigated the impact of adipose tissue-derived stromal cells (ASCs) 

upon the elasticity and viscoelasticity of gelatine methacryloyl (GelMA) hydrogels. ASCs are 

multipotent and can differentiate into adipogenic, chondrogenic, and osteogenic phenotypes, 

among others. GelMA is a semi-synthetic hydrogel with properties similar to those present in 

the ECM and tuneable mechanical properties. The combination of GelMA-ASCs is of interest 

for TERM applications, 3D bioprinting and the study of stem cell behaviour in 3D 

environments. This chapter showed that ASCs viability differed among GelMA 

concentrations, with the lowest concentration (5% w/v) allowing for faster cell spreading and 

optimal cell viability (> 90%). ASCs decreased the stiffness of GelMA hydrogels, but that stress 

relaxation follows distinct trends in different hydrogels. ASCs can both increase or decrease 

the stress relaxation of a GelMA hydrogel over time. Maxwell analysis demonstrated that 

the increase in stress relaxation correlated with an increase in the relative importance of the 

second and third Maxwell elements. In contrast, the relative importance of the last (fourth) 

Maxwell increased due to ASCs, which led to a decrease in stress relaxation. The mechanisms 

behind said contrasting viscoelastic outcomes are unknown, therefore, in Chapter 6, the 

turnover of GelMA by ASCs was investigated in terms of matrix deposition and matrix 

metalloproteases (MMPs) expression. Changes in hydrogel structure were also investigated. 

Data from this chapter showed that MMPs were spatiotemporally regulated by hydrogel 

concentration and their underlying mechanics. MMPs were inhibited at higher  GelMA 

concentrations over time (14 days). The changes regarding matrix deposition and hydrogel 

structure were not consistent and may require additional methods to assess them. 

Nonetheless, this chapter furthers the hypothesis that hydrogel mechanics have an underlying 

regulatory effect on stromal/stem cells in 3D microenvironments.  

In Chapter 7, the mechanical properties of alginate/pluronic hydrogels were 

investigated and compared. Immunomodulatory pectins were incorporated into the 

backbone of alginate. The addition of Pluronic F127 improved the 3D printability of alginate. 

The presence of pectins in this copolymer formulation did not alter the stiffness or the stress 

relaxation properties of the hydrogels. These materials had a high stiffness (200 kPa) and fast 

stress relaxation (>50%/100 s) which made them suitable materials for cellular applications, 

as demonstrated in both in vitro and in vivo analysis of the cell viability of insulin-producing

cells and post-fibrotic response upon subdermal implantation.  



|     English summary 

225 

Overall, this thesis furthers our understanding of cell-matrix biology in vitro. The

data presented herein also has implications for the TERM field and any areas of hydrogel-

based research for cellular applications.  
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De extracellulaire matrix (ECM) is een driedimensionale, acellulaire component van 

alle organen en weefsels. De ECM bezit elastische en visco-elastische eigenschappen, 

gekwantificeerd door respectievelijk de elastische modulus (d.w.z. stijfheid) en 

spanningsrelaxatie waardoor het lot van de cel wordt geleid. Stijfheid en ontspanning van 

stress zorgen voor cellulaire plasticiteit bij homeostase en ziekte. Om de mechanica van de 

ECM in vitro weer te geven, is het daarom noodzakelijk om modellen te gebruiken die deze 

eigenschappen omvatten. Tot deze modellen behoren hydrogels: polymere netwerken 

waarvan de massa voornamelijk uit water bestaat. Belangrijk is dat de visco-elasticiteit van 

hydrogel een onderbelichte eigenschap blijft, met name in celgeladen materialen. Daarom 

zijn, in dit proefschrift, de elastische en visco-elastische eigenschappen van verschillende 

celvrije en celgeladen hydrogels onderzocht. 

De hydrogelmaterialen die in dit proefschrift zijn geëvalueerd, bestaan onder meer uit;  

orgaan afgeleid ECM (Hoofdstuk 3), agarose, humaan afgeleid bloedplaatjesarm plasma 

(Hoofdstuk 4) gelatine methacryloyl (Hoofdstuk 5, 6) en alginaat/pluronic (Hoofdstuk 7). 

Deze hydrogels hebben potentie voor toepassing in weefselmanipulatie en regeneratieve 

geneeskunde (TERM). Expliciet werd nadruk gelegd op het onderzoeken en wiskundig 

modelleren van het elastische en visco-elastische lot van celgeladen hydrogels. Onze data 

laten zien dat een toenemende polymeerconcentratie ons in staat stelde de elasticiteit en visco-

elasticiteit van een hydrogel op maat te maken (Hoofdstuk 4, 5, 6, 7). Hydrogel-architectuur, 

samenstelling en de bindingen die het polymeernetwerk vormen, bepalen de elasticiteit en 

visco-elasticiteit van een hydrogel (Hoofdstuk 2, 3, 4, 5). Ook werd  de hydrogelstijfheid en 

spanningsrelaxatie veranderd door de aanwezige cellen, beïnvloed door polymeertype, 

hydrogelconcentratie en tijd (Hoofdstuk 4, 5, 6). Een gegeneraliseerd Maxwell-model voor 

visco-elasticiteit onthulde verder celgeïnduceerde veranderingen in de tijdsafhankelijke 

mechanica van hydrogel (Hoofdstuk 3, 4, 5) 
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Architectuur is een eigenschap van een hydrogel die verband houdt met 

hydrogelmechanica. Adequate karakterisering van de hydrogel-architectuur is van vitaal 

belang voor een uitgebreid overzicht van de biologische gebeurtenissen welke zich binnen 

hydrogels ontwikkelen. 

In Hoofdstuk 2 hebben we de beeldvormingstechnieken onderzocht die worden 

gebruikt om hydrogel-microarchitectuur te beoordelen. Een overzicht van het 

werkingsprincipe van elke techniek werd gepresenteerd, waarbij het type data werd 

weergegeven dat was afgeleid van hun gebruik in zowel celvrije als celgeladen hydrogels. 

Het is duidelijk dat elke techniek onderliggende valkuilen heeft vanwege de momenteel 

beschikbare monstervoorbereidingsmethoden die in veel gevallen hydrogel-uitdroging 

vereisen. Bovendien belemmeren ontoereikende/niet-gestandaardiseerde 

rapportageparameters de wetenschappelijke reproduceerbaarheid. Toekomstige 

technologische ontwikkelingen zullen ons begrip van hydrogel-microarchitectuur in hun 

oorspronkelijke en gezwollen 3D-staat verbeteren. 

In Hoofdstuk 3 werden de stijfheid en stressrelaxatie-eigenschappen van 

orgaanafgeleide ECM-hydrogels, namelijk huid, long en linker hartventrikel (LV), 

gekarakteriseerd en vergeleken. Deze organen worden voortdurend onderworpen aan 

mechanische krachten, maar vervullen verschillende functies. De huid reageert op constante 

mechanische prikkels als gevolg van lichaamsbeweging. De long ondergaat inflatie- en 

deflatiecycli om gasuitwisseling mogelijk te maken. LV zorgt voor continue cyclische 

samentrekking van het hart om bloed te pompen. Deze hydrogels behouden vanwege hun 

oorsprong veel van de biochemische eigenschappen die in de natieve ECM worden gevonden. 

Dit hoofdstuk laat zien dat architectuur en samenstelling de visco-elastische eigenschappen 

van een hydrogel bepalen. Verschillen tussen hydrogels werden gevonden bij het wiskundig 

modelleren van de gegevens volgens het Maxwellmodel. In long en LV werden drie Maxwell-

elementen gevonden, terwijl het er in de huid slechts twee waren. De bijdrage aan het 

stressrelaxatieproces verschilde ook, waarbij het eerste en tweede Maxwell-element 

proportioneel groter waren voor de huid dan die voor long en LV. 



228 

Nederlandse samenvatting     | 

Het manipuleren van de hydrogelconcentratie is een methode om de elastische 

eigenschappen van hydrogel aan te passen, maar dit kan ook worden gebruikt om hun visco-

elasticiteit te beïnvloeden. Dit werd verder aangetoond in Hoofdstuk 4, waar de 

eigenschappen van copolymere bloedplaatjesarme plasma-agarose (PA) hydrogels werden 

gemoduleerd door de agaroseconcentratie te wijzigen. Bovendien werd de 

copolymeerformulering in de loop van de tijd beoordeeld in aanwezigheid van humane 

dermale huidfibroblasten. De gegevens tonen aan dat een toenemende agaroseconcentratie 

de hydrogelstijfheid verhoogde zonder dat er op het eerste gezicht consistente veranderingen 

in spanningsrelaxatie werden waargenomen. Door een Maxwell-model toe te passen, werd 

een afname in tau van verschillende Maxwell-elementen positief gecorreleerd met 

veranderingen in PA-microarchitectuur (porositeit %). De toename van agarose had een 

nadelig effect op de levensvatbaarheid, metabolosme en spreiding  van de cellen. Een 

optimale balans tussen agaroseconcentratie en plasma bleek 0,5% (w/v) te zijn. Deze kennis is 

belangrijk omdat celgeladen PA-hydrogels van belang kunnen zijn voor tissue engineering 

en regeneratieve geneeskunde (TERM) toepassingen bij epidermale reconstructie. 

In Hoofdstuk 5 hebben we de invloed van vetweefsel-afgeleide stromale cellen 

(ASC's) op de elasticiteit en visco-elasticiteit van gelatine methacryloyl (GelMA) hydrogels 

onderzocht. ASC's zijn multipotent en kunnen onder andere differentiëren in adipogene, 

chondrogene en osteogene fenotypes. GelMA is een semi-synthetische hydrogel met 

eigenschappen die vergelijkbaar zijn met die in de ECM met aanpasbare mechanische 

eigenschappen. De combinatie van GelMA-ASC's is van belang voor TERM-toepassingen, 3D-

bioprinting en de studie van stamcelgedrag in 3D-omgevingen. Dit hoofdstuk liet zien dat de 

levensvatbaarheid van ASC's verschilde tussen de GelMA-concentraties, waarbij de laagste 

concentratie (5% w/v) een snellere celspreiding en optimale cellevensvatbaarheid mogelijk 

maakte (> 90%). ASC's verminderden de stijfheid van GelMA-hydrogels, maar die 

spanningsrelaxatie volgt verschillende trends in verschillende hydrogels. ASC's kunnen de 

stressrelaxatie van een GelMA-hydrogel in de loop van de tijd zowel verhogen als verlagen. 

De Maxwell-analyse toonde aan dat de toename in stressrelaxatie correleerde met een 

toename van het relatieve belang van de tweede en derde Maxwell-elementen. Daarentegen 

nam het relatieve belang van het laatste (vierde) Maxwell-element toe als gevolg van ASC's, 

wat leidde tot een afname van stressrelaxatie.  
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De mechanismen achter deze contrasterende visco-elastische uitkomsten zijn 

onbekend, daarom werd in Hoofdstuk 6 de omzetting van GelMA door ASC's onderzocht in 

termen van matrixafzetting en expressie van matrixmetalloproteasen (MMP's). 

Veranderingen in hydrogelstructuur werden ook onderzocht. Gegevens uit dit hoofdstuk 

lieten zien dat MMP's ruimtelijk en tijdgebonden werden gereguleerd door 

hydrogelconcentratie en hun onderliggende mechanica. MMP's werden in de loop van de tijd 

(14 dagen) geremd bij hogere GelMA-concentraties. De veranderingen met betrekking tot 

matrixafzetting en hydrogelstructuur waren niet consistent en vereisen mogelijk aanvullende 

methoden om ze te beoordelen. Desalniettemin bevordert dit hoofdstuk de hypothese dat 

hydrogelmechanica een onderliggend regulerend effect heeft op stromale/stamcellen in 3D-

micro-omgevingen. 

In Hoofdstuk 7 werden de mechanische eigenschappen van alginaat/pluronische 

hydrogels onderzocht en vergeleken. Immunomodulerende pectines werden opgenomen in 

de ruggengraat van alginaat. De toevoeging van Pluronic F127 verbeterde de 3D-

printbaarheid van alginaat. De aanwezigheid van pectines in deze copolymeerformulering 

veranderde de stijfheid of de spanningsrelaxatie-eigenschappen van de hydrogels niet. Deze 

materialen hadden een hoge stijfheid (200 kPa) en snelle spanningsrelaxatie (>50%/100 s), 

waardoor ze geschikt waren voor cellulaire toepassingen, zoals aangetoond in zowel in vitro 

als in vivo analyse van de cellevensvatbaarheid van insulineproducerende cellen en post-

fibrotische respons na subdermale implantatie. 

Over het algemeen bevordert dit proefschrift ons begrip van celmatrixbiologie in vitro. 

De hier gepresenteerde gegevens hebben ook implicaties voor het TERM-veld en alle 

gebieden van op hydrogel gebaseerd onderzoek voor cellulaire toepassingen 
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