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PROLOGUE 

This doctoral thesis was performed in the Biosensors for Bioengineering 

group at the Institute for Bioengineering of Catalonia (IBEC) from April 2017 to June 

2021. The work presented in this thesis was mainly funded by the European 

Research Council program under the grant ERC-StG-DAMOC (714317) and a 

predoctoral fellowship (BES-2016-076681) from the Spanish Ministry of Economy 

and Competitiveness (MINECO). The thesis focused on engineering 3D models of 

skeletal muscle tissue for their applications in muscle metabolism studies and the 

preclinical research of muscular dystrophies. 

The structure of the thesis is the following: Chapter 1 provides a general 

introduction to the work, Chapter 2 describes the hypothesis and objectives, 

Chapter 3 includes the detailed general materials and methods, and Chapter 4 

contains the main results, which are presented as a compilation of three published 

articles and one manuscript in preparation. Then, Chapter 5 covers the general 

results and discussion, and Chapter 6 corresponds to the conclusions. A copy of the 

original published articles presented in this thesis can be found in Appendix A. 

Finally, other publications derived from this work can be found in Appendix B 

(original research and review article). 

This doctoral thesis began with the synthesis and characterization of different 

gelatin-based composite hydrogels and their evaluation as biomaterials for the 3D 

bioprinting of murine skeletal muscle tissues (Chapter 4.1). Next, one of the 

previously studied biomaterials was used to develop skeletal muscle microtissues 

through a photomold patterning technique that allowed the integration into a 

biosensing platform for in situ muscle metabolism studies (Chapter 4.2). The next 

step was to improve the photomold patterning protocol and optimize it to generate 

human skeletal muscle microtissues (Chapter 4.3). This protocol was used to 

develop the first 3D skeletal muscle model of myotonic dystrophy type 1 from patient-

derived cells. Finally, the preliminary results on the generation of functional human 

skeletal muscle in a xeno-free 3D culture system are presented in Chapter 4.4. This 

last project started during a short research stay at the Institute for Biomaterials, 

Biodegradables, and Biomimetics (i3Bs, University of Minho) and is currently being 

continued at IBEC. 
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ABSTRACT 

The skeletal muscle is the largest tissue of the human body. Its main function 

is to generate contractile forces, essential for locomotion, thermogenesis, and 

metabolism. Fundamental research on skeletal muscle in health and disease, and 

preclinical research for new therapies, are currently based on 2D in vitro cell cultures 

and in vivo animal models. However, these strategies have important shortcomings. 

For instance, conventional cell culture models cannot emulate the complex 3D 

architecture of native skeletal muscle, and the species-specific differences in animal 

models limit their relevance to humans. In contrast, engineered skeletal muscle 

tissues are emerging as in vitro 3D cell culture models that complement existing 2D 

strategies. These engineered tissues can offer an improved microenvironment 

resembling native muscle tissue, comprised of bundles of aligned, multinucleated 

fibers. Therefore, the main objective of this thesis was to develop 3D skeletal muscle 

tissues for in vitro studies of muscle metabolism and disease modeling. 

Skeletal muscle precursor cells were encapsulated in microfabricated 

hydrogel scaffolds, introducing the appropriate topographical and 

microenvironmental cues to guide muscle fiber formation. First, photocrosslinkable 

gelatin methacryloyl (GelMA)-based composite hydrogels were synthesized and 

evaluated as cell-laden bioinks for 3D bioprinting of murine skeletal muscle tissue. 

The fabrication conditions were optimized to ensure the biocompatibility of the 

process and promote in vitro myogenesis. Our results demonstrated that the 

composite hydrogels have a higher resistance to degradation than GelMA hydrogels. 

Thus, the bioprinted scaffolds maintained their 3D structure over a prolonged culture 

period. Furthermore, the shear stress during extrusion bioprinting combined with the 

appropriate scaffold geometry resulted in highly aligned myoblasts that correctly 

differentiated into multinucleated myotubes. Considering these results, GelMA-

carboxymethylcellulose methacrylate (CMCMA) hydrogels were then used to 

generate skeletal muscle microtissues in long-lasting cell cultures. Photomold 

patterning of cell-laden GelMA-CMCMA filaments led to the formation of highly 

aligned 3D myotubes expressing sarcomeric proteins. Moreover, the presented 

protocols were highly biocompatible and reproducible. 

Murine skeletal muscle microtissues were fabricated in a microfluidic platform 

integrated with an electrical stimulation system and biosensors for monitoring muscle 
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metabolism in situ. Here, we measured the contraction-induced release of muscle-

secreted cytokines upon electrical or biological stimulation. The obtained results 

confirmed the endocrine function of the bioengineered tissues, obtaining in vivo-like 

responses upon exercise or endotoxin-induced inflammation. Then, the photomold 

patterning protocol was optimized for human cells to develop the first in vitro 3D 

model of myotonic dystrophy type 1 (DM1) human skeletal muscle. DM1 is the most 

prevalent hereditary myopathy in adults, and there is no effective treatment to date. 

We proved that 3D micropatterning enhances DM1 myotube formation compared to 

2D cultures. Furthermore, we detected the reduced thickness of 3D DM1 myotubes 

compared to healthy controls, which was proposed as a new in vitro structural 

phenotype. Thus, as a proof-of-concept, we demonstrated that treatment with an 

antisense oligonucleotide, antagomiR-23b, could rescue both molecular and 

structural phenotypes in these bioengineered DM1 muscle tissues. 

Finally, animal-derived components were eliminated to develop in vitro 

functional tissues in xeno-free cell culture as a next step towards improving 

bioengineered human skeletal muscle tissues. Cell-laden nanocomposite hydrogels 

consisting of human platelet lysate and functionalized cellulose nanocrystals (HUgel) 

were fabricated in hydrogel casting platforms that implemented uniaxial tension 

during matrix remodeling. We modulated the content of cellulose nanocrystals to 

tune the mechanical and biological properties of HUgel and favor the formation of 

long, highly aligned myotube bundles. Additionally, we performed in situ force 

measurements of electrical stimulation-induced contractions. Altogether, the results 

presented in this thesis provide promising approaches to advanced cell culture 

models of skeletal muscle tissue that could be valuable tools for fundamental studies, 

disease modeling, and future personalized medicine. 
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LIST OF ABBREVIATIONS 

2D Two-dimensional 

3D Three-dimensional 

ACA 6-amino-n-caproic acid 

a-CNC Aldehyde-cellulose nanocrystals 

AFM Atomic force microscopy 

AlgMA Alginate methacrylate 

BIN1 Bridging integrator 1 

BSA Bovine serum albumin 

CDK Cyclin-dependent kinase 

CELF1 CUGBP Elav-Like Family Member 1 

CMC Carboxymethylcellulose 

CMCMA Carboxymethylcellulose methacrylate 

CNC Cellulose nanocrystals 

dECM Decellularized extracellular matrix 

DM Differentiation medium 

DM1 Myotonic dystrophy type 1 

DMD Duchenne muscular dystrophy 

DMEM Dulbecco’s Modified Eagle Medium 

DMPK Dystrophia myotonica protein kinase 

ECM Extracellular matrix 

EDC 1-Ethyl-3-(3-dimethylaminopropyl)carbodiimide 

ELISA Enzyme-linked immunosorbent assay 

EPS Electrical pulse stimulation 

EthD-1 Ethidium homodimer 

FBS Fetal bovine serum 

GelMA Gelatin methacryloyl 

hASCs Human adipose stem cells 

hESCs Human embryonic stem cells 

hiPSCs Human induced pluripotent stem cells 

hPSCs Human pluripotent stem cells 

HRP Horseradish peroxidase 

hTERT Human telomerase reverse transcriptase 
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HUgel Human platelet lysate-based nanocomposite hydrogels 

HuMSCs Human immortalized muscle satellite stem cells 

HUVEC Human umbilical vein endothelial cells 

I2959 Irgacure 2959; 2-Hydroxy-4′-(2-hydroxyethoxy)-2-
methylpropiophenone 

IDA Interdigitated array 

IL Interleukin 

ITO Indium Tin Oxide 

LAP Lithium phenyl (2,4,6-trimethylbenzoyl) phosphinate 

LPS Lipopolysaccharide 

MBNL Muscleblind-like 

MDM Muscle differentiation medium 

MHC Myosin heavy chain 

miRs microRNAs 

MMPs Matrix metalloproteinases 

MRF Myogenic regulatory factor 

MYH Myosin heavy chain 

MyHC Myosin heavy chain 

NFIX Nuclear Factor I X 

NHS N-hydroxysuccinimide 

OOCs Organs-on-a-chip 

PBS Phosphate buffered saline 

PDMS Polydimethylsiloxane 

PEG Poly(ethylene glycol) 

PEGDA Poly(ethylene glycol) diacrylate 

PFOTS Trichloro(1H,1H,2H,2H-perfluorooctyl)silane  

PL Platelet lysate 

RGD Arg-Gly-Asp; arginine-glycine-aspartate 

SAA Sarcomeric alpha-actinin 

SEM Scanning force microscopy 

SPGE Screen-printed gold electrode 

SPTAN1 Spectrin Alpha Non-Erythrocytic 1 

SSCs Satelite stem cells 

TBS Tris-buffered saline 

TMSPMA 3-(trimethoxysilyl)propyl methacrylate 

TNF-α Tumor necrosis factor-alpha 
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1.1. Tissue engineering for in vitro research 

Tissue engineering is a complex interdisciplinary field that comprises from 

molecular level studies in developmental biology and genetics to whole organ 

engineering. In principle, living cells are associated with a specifically designed 

matrix or scaffold, which guides new tissue development [1]. In this field, the 

knowledge gained in cell biology, biochemistry, and molecular biology is applied to 

the engineering of new tissues. Simultaneously, recent advances in materials 

science, nanotechnology, and bioengineering allow the application of engineering 

principles to these artificial living systems [1,2].  

Historically, tissue engineering emerged in the context of treating organ loss 

or failure by replacing damaged tissue with new biological substitutes that restore, 

maintain, or improve tissue function [3,4]. However, the applications of this field have 

expanded to address other research and clinical needs, not only for regenerative 

medicine but also as diagnostic or drug screening tools. In fact, a significant part of 

the progress in tissue engineering over the last decades has been generated through 

the development of 3D in vitro cell culture platforms for cell biology studies, disease 

modeling, drug testing, and precision medicine [2].  

1.1.1. The basic paradigm of tissue engineering 

The basic paradigm of tissue engineering consists of three fundamental 

elements: the cells that make up the tissue of interest, a 3D scaffold that supports 

the cells, and signals that stimulate and guide tissue development (Figure 1.1)  [5]. 

The cells can be stem cells, progenitor cells, or differentiated cells. Importantly, their 

behavior in normal morphogenesis and wound healing should be comprehensively 

studied, as these are the conditions where cells create or recreate functional 

structures [1]. The cells are usually encapsulated within a 3D scaffold designed for 

the specific tissue engineering application. This scaffold is made of a biomaterial of 

natural or synthetic origin, or a mixture of both. Besides, the biomaterial must be 

carefully selected to have the optimal chemical and physical properties that allow 

interaction with living cells. Altogether, the cells are influenced by signals or cues 

present in their microenvironment, such as biochemical factors, mechanical 

properties, or external stimuli.  
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To achieve this, it is essential to understand the fundamental and developmental 

biology of the tissue of interest. Only then can we establish strategies to provide a 

suitable microenvironment for the cells and control the biological processes for 

generating new tissues. 

The native extracellular matrix 

In vivo, most cell types reside within a complex environment that contains 

multiple extracellular matrix (ECM) components, mixed cell types, and cell-secreted 

factors. The native ECM is a natural 3D scaffold that supports cells and influences 

several aspects of their behavior. It is made of structural fibrous proteins (e.g., 

collagen, fibronectin, vitronectin, elastin, and laminin), proteoglycans, and soluble 

molecules (e.g., growth factors, small integrin-binding glycoproteins (SIBLINGS), 

and small matricellular proteins). However, the exact composition changes 

depending on each tissue [6]. The mechanical properties of the ECM are dictated 

mainly by the structural proteins and sensed by the cells through adhesions between 

cell surface integrins and binding motifs (adhesion sites) of the matrix. Proteoglycans 

fill the interstitial spaces of the structural protein backbone and sequester soluble 

molecules [7].  

Figure 1.1. The basic paradigm of tissue engineering. Cells are expanded and encapsulated 

within a biocompatible 3D scaffold. The encapsulated cells are influenced by microenvironmental 

signals or external stimuli. 
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The native ECM’s dynamic microenvironment is continuously remodeled by 

cells. They deposit ECM components and degrade the matrix through the action of 

ECM-cleaving proteins, such as matrix metalloproteinases (MMPs). This constant 

restructuring is vital for tissue homeostasis. Therefore, the misregulation of this 

process can cause ECM damage, which is a common factor of many diseases [6]. 

Understanding the ECM’s general composition and remodeling during tissue 

development is essential for designing engineered tissues because the ideal 3D 

scaffolds should mimic these native matrices on multiple length scales. 

1.1.2. Tissue-engineered 3D cell culture platforms 

Besides applications in regenerative medicine, there is a rising paradigm shift 

for biomedical research and tissue engineering towards developing 3D in vitro tissue 

models as tools for diagnostic and drug screening. These models aim to bridge the 

gap between traditional cell culture assays and clinical trials, obtaining more 

physiologically accurate information in the preclinical research stage and reducing 

the need for animal experimentation. 

Conventional cell-based assays and animal models 

In vitro cell culture and animal models are routinely employed in tissue 

physiology studies and as disease models for drug development assays. These 

techniques have widely contributed to our understanding of biological processes and 

have been essential for identifying the molecular causes of certain diseases [8]. Still, 

both types of models have significant shortcomings that make it challenging to obtain 

physiologically relevant results for humans.  

Traditional in vitro models involve cell monolayers cultured on flat and rigid 

substrates, such as tissue culture polystyrene or glass. These 2D cell culture 

experiments are generally efficient and straightforward. Since cells receive an equal 

amount of growth factors and nutrients from the medium, there is homogeneous cell 

growth and proliferation [9]. Notably, 2D cell culture studies have allowed our 

understanding of fundamental complex biological phenomena, such as stem cell 

differentiation [10] and tissue morphogenesis [11]. Nonetheless, it has been 

demonstrated that for most cell types, their characteristics are very different when 

they are in a monolayer instead of their natural environment (Figure 1.2) [7,12,13]. 

Thus, the majority of 2D models do not come close to emulating the complexity of 
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native tissues with a 3D structural organization of cells surrounded by each other and 

within an ECM [14]. Therefore, cells in 2D assays for drug development tend to have 

altered drug responses due to their unnatural microenvironment [15].   

On the other hand, functional 3D tissues representing in vivo physiology can 

be found in animal models, from small animals like flies, mice, or rats, to large animal 

models such as non-human primates. However, the use of animal models in 

pharmacological research raises several ethical concerns. Moreover, species-

specific differences limit the extrapolation of animal data to human conditions [16], 

and animal models are labor-intensive, time-consuming, and costly. In drug 

development, 2D in vitro cultures are followed by animal experiments before 

proceeding to clinical trials. Unfortunately, it has been estimated that following this 

traditional drug development pathway, only around 11.8% of drugs entering clinical 

trials become approved, generating a cost of billions of dollars for newly authorized 

medications [17,18]. In fact, most drugs fail during clinical trials because of a lack of 

clinical efficacy or unacceptable toxicity levels that are not detected with cell and 

animal models [15]. To overcome these limitations and accelerate preclinical 

research, in vitro studies could be complemented by human 3D cell culture systems. 

These in vitro systems should consist of patient-derived engineered tissues that offer 

a better representation of the environment of living tissues with a specific 3D 

architecture. 

Figure 1.2. Cells experience an entirely different environment between 2D and 3D culture. 

Neural cells cultured in monolayer (left) are limited to extend processes in the plane of the cell 

culture surface. Cytoplasm is stained in green and the β-tubulin in axonal extensions is stained in 

red. When cultured within poly(ethylene glycol) based hydrogels (right) the same cells form 

neurospheres, extending processes isotropically in 3D. Adapted from Tibitt and Anseth [7]. 
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Microenvironmental cues in 2D vs. 3D cell culture 

In 3D cell culture, experiments usually start with cells suspended in a 

biocompatible liquid precursor, which then solidifies or gels, embedding the cells 

within the biomaterial matrix. Therefore, more than mere dimensionality, 3D culture 

can provide adhesive, soluble, mechanical, and topographical microenvironmental 

cues in a way that differs from 2D settings (Figure 1.3) [reviewed in 19]. These 

variations then result in changes in cell behavior and function.  

For instance, cell morphology is remarkably different when adherent cells are 

cultured in 2D vs. 3D. Since cell adhesions only form in the horizontal plane, cells in 

2D are flat and present a forced apical-basal polarity that is abnormal for most 

mesenchymal cells, affecting intracellular signaling and phenotypic fate. On the 

contrary, cells cultured in 3D present adhesions in all dimensions, adopting a stellate 

morphology with no fixed polarity [19]. The forced polarity of cells in 2D also results 

in unnatural interactions with soluble factors in the medium. Cytokines, growth 

factors, and nutrients interact homogeneously with the induced apical side of the cell 

membrane. However, this is different in vivo and within 3D scaffolds. The delivery of 

soluble factors in 3D cultures can be limited, and dynamic spatial gradients can be 

present due to the physical characteristics of biomaterials, such as scaffold 

dimensions, pore size, and pore interconnectivity [20,21].  

Figure 1.3. Soluble, adhesive, topographical, and mechanical cues in 2D and 3D. The cues 

encountered by a cell are different between an ECM-coated surface (2D) and a typical 3D ECM (e.g., 

collagen). Adapted from Baker and Chen [19]. 
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The mechanical forces sensed and exerted by cells represent another critical 

difference between 2D and 3D cultures. It has been demonstrated that ECM stiffness 

plays a role in influencing adhesions, morphogenesis, and stem cell differentiation 

[22,23]. Nevertheless, the vast majority of 2D cell culture surfaces have 

supraphysiological stiffness values compared to the softer biomaterials for 3D 

culture. Moreover, conventional 2D culture surfaces tend to be smooth, whereas 

most biomaterials for 3D cell culture have a heterogeneous fibrous structure. It is 

well known that the cell-ECM forces depend on the scale and organization of these 

ECM fibers and whether the cells are physically constrained by the biomaterial [19]. 

Additionally, cell spreading and migration in 3D scaffolds are significantly slower than 

in 2D surfaces due to steric hindrance from the scaffold, which creates obstacles for 

migration and alters cell motility [9]. All these microenvironmental cues depend not 

only on dimensionality but also on the biomaterials used to create 3D scaffolds. 

Therefore, these biomaterials should be carefully selected depending on the cell 

types or 3D tissues developed. 

Biomaterials for 3D cell culture 

For tissue engineering, cells have been cultured in 3D scaffolds with different 

architectures, mainly microporous solids, nanofibers, and hydrogels (Figure 1.4)  

[24]. These materials engage cell surface receptors and provide a physical 

environment to regulate cell function, depending on their architecture and 

composition, particularly ligand density and composition. Microporous biomaterials, 

such as cryogels, are appropriate for cell seeding inside the porosities (~100 µm). 

However, pores are larger than the average cell diameter. Hence, cells effectively 

sense them as 2D surfaces with curvature [24], and their 3D characteristics would 

depend on the cell type, cell density, and cell-cell interactions. 3D scaffolds made of 

nanofibers can have a nanostructured topography similar to the fibrillar native ECM. 

Yet, these nanofibers are usually rigid with limited water absorption, different from 

the flexible, bioactive, hydrated fibers of natural ECM [25]. Finally, hydrogels can 

imitate the hydrated structure and mechanics of the native ECM, while their porosity 

can be tuned to enable nutrients and waste exchange [26,27].  

1.1.3. Hydrogels as scaffolds for tissue engineering 
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Hydrogels are chemically or physically crosslinked networks of hydrophilic 

polymers that can absorb from 10-20% up to thousands of times their dry weight in 

water. These are attractive materials for 3D culture and tissue engineering due to 

their high water content and because they can be fabricated under biocompatible 

conditions [26]. The biochemical and physical properties of hydrogels mainly depend 

on their compositions, crosslinking density, and fabrication methods [28]. 

Furthermore, hydrogels can be engineered to possess specific physicochemical 

properties according to the particular tissue requirements [27,29,30]. 

Hydrogel compositions: natural vs. synthetic 

Hydrogels for cell culture can be synthesized from natural materials, synthetic 

materials, or from a combination of both. Natural hydrogels are inherently 

biocompatible and primarily derived from the ECM proteins, such as fibrinogen, 

collagen, and gelatin. These already possess cell adhesion and degradation motifs 

and many other endogenous factors that promote cell function. Other biological 

sources include plants or insects, from which biomaterials such as cellulose, 

alginate, and chitosan are obtained [31]. These natural materials are biocompatible 

but do not have cell adhesive features. One disadvantage of using natural hydrogels 

is that the resulting scaffolds could be variable and ill-defined [24]. Moreover, it can 

be challenging to control their degradation rates and other physicochemical or 

mechanical properties that are necessary for long-term cell culture [32]. 

Figure 1.4. Cell receptor–ligand interactions are influenced by biomaterial architectures. 

These materials can provide a 2D (e.g., flat surfaces, microporous solids) or 3D (e.g., nanofibers, 

hydrogels) microenvironment for cellular engagement. Adapted from Saha et al. [24]. 
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 On the other hand, hydrogels formed from inert synthetic molecules, such as 

poly(ethylene glycol) (PEG) or polylactic acid (PLA), have a well-defined, consistent 

composition that can be tuned to obtain certain properties. Synthetic biocompatible 

hydrogels have been shown to maintain the viability of encapsulated cells; however, 

they do not possess functional motifs for cell interaction, so they are only considered 

permissive to cell function [19,32]. Nevertheless, these purely synthetic biomaterials 

can be modified to promote cell adhesion and matrix degradation by introducing RGD 

peptides and proteolytic or hydrolytic moieties in the polymer network [33,34]. 

Besides, different materials can be mixed to obtain composite or hybrid hydrogels 

that combine their respective advantages to resemble the complexity of the native 

ECM. Usually, natural-natural composite hydrogels are physically blended in a 

similar ratio to the native ECM composition. On the other hand, natural-synthetic 

polymers are typically prepared using chemical copolymerization to adjust their 

mechanical properties and degradability [35]. 

Critical features of hydrogels for 3D cell culture 

The selection or design of hydrogels for cell culture should consider the most 

relevant features for biomedical applications, including bioadhesion, mechanical 

properties, transport, and degradation [34]. Bioadhesion is the property that allows 

cells to attach to hydrogels through cell-binding domains that greatly influence cell 

shape. As described in Chapter 1.1.2, the mechanical properties of the scaffold 

provide cells with signals through mechanotransduction pathways that regulate cell 

function and tissue homeostasis [22,23]. Furthermore, the transport of soluble factors 

through the hydrogel depends on the hydrogel’s porosity. This is an essential feature 

because the hydrogel must allow the transport of oxygen, nutrients, and waste to and 

from the cells [7]. Additionally, transport can be crucial in drug screening applications 

of in vitro models where drug diffusion through the hydrogel polymer network is 

required [36].  Finally, cell-mediated hydrogel degradation is necessary for an in vivo-

like matrix remodeling and can be used to release matrix-bound bioactive factors 

[37]. As previously discussed, some natural ECM-derived hydrogels, such as 

collagen, gelatin, and fibrin, already have these cell-adhesion and degradation 

domains. Furthermore, synthetic hydrogels can be engineered to include cell-

adhesive [38] or enzyme-cleavable [39] oligopeptides.  
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Hydrogel formation: chemical or physical crosslinking 

Cell-compatible hydrogels can be formed by several chemical and physical 

crosslinking strategies (Figure 1.5). Physical crosslinking involves non-covalent 

crosslinks via strong electrostatic interactions, hydrogen bonding, protein 

Figure 1.5. Hydrogel formation by chemical or physical crosslinking.. The selection functional 

group for hydrogel formation depends on several factors related to the application of interest, such as 

the desired initiation mechanism, the specificity and speed of the reaction, and the stability of the 

resulting bond. Adapted from Kharkar et al. [29]. 
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interactions, or ionic interactions. For chemical crosslinking, hydrogels can be 

covalently functionalized to include reactive functional groups for hydrogel 

polymerization through chain or step growth reactions. The most common are free 

radical chain polymerization reactions, Schiff base crosslinking reactions, click 

reactions, and carbodiimide-mediated reactions [29]. Some examples of physical 

crosslinking can be found in collagen and its denatured form, gelatin, which crosslink 

with temperature and pH changes forming a thermogel (Figure 1.6A) [21]. However, 

pure gelatin gels are not suitable for cell culture because they are dissolved at cell 

culture temperatures. Matrigel® and GeltrexTM are commercial hydrogel mixtures of 

several ECM structural proteins and growth factors [40,41] that are stably crosslinked 

by temperature. As the last example, alginate hydrogels can be formed by ionic 

crosslinking with divalent cations, such as Ca2+ [42] (Figure 1.6B). These reactions 

are highly biocompatible and straightforward because there is no need for any 

chemical modifications; nevertheless, temperature or ionic crosslinking cannot be 

precisely controlled at the microscale.  

Figure 1.6. Schematic representations of hydrogel formation mechanisms. (A) Reversible 

thermogel formation. (B) Ionic crosslinking  with divalent cations. (C) Radical crosslinking 

mechanism. UV light activates the initiator generating two radicals, which can react with a 

functional group of the polymer chain. This causes a chain reaction that crosslinks many 

functional groups leading to the formation of the hydrogel. Adapted from Tenje et al. [43]. 
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Chemically crosslinked hydrogels commonly involve modifying the desired 

natural or synthetic biomaterials with functional groups, such as acrylates, 

methacrylates, or acrylamides that can undergo radical polymerization reactions in 

the presence of a photoinitiator and light [29,43] (Figure 1.6C). Some polymers that 

have been functionalized for photopolymerization include poly (ethylene glycol) 

(PEG) [44], hyaluronic acid (HA) [45], gelatin [46,47], and chitosan [48]. For radical 

chain polymerization, the most commonly used photoinitiators are 2‐hydroxy‐4′‐(2‐

hydroxyethoxy)‐2‐methylpropiophenone (Irgacure 2959) and lithium phenyl-2,4,6-

trimethyl-benzoylphosphinate (LAP) [49]. In these reactions, free radicals dissociate 

from the photoinitiator upon irradiation. Introducing a high dose of cytotoxic free 

radicals or unnecessarily prolonging exposure may compromise the cytocompatibility 

of the process. Therefore, it is crucial to optimize their concentration to obtain a good 

crosslinking efficiency without causing cell damage [50]. Other strategies for 

chemical crosslinking are carbodiimide-mediated reactions and Schiff base 

crosslinking reactions. In the first one, 1-ethyl-3-(3-dimethylaminopropyl) 

carbodiimide (EDC) is typically used to activate the reaction between carboxylic acid 

groups and amine groups [51]. Finally, Schiff reactions occur between aldehydes 

and other macromolecules containing amine, hydrazide, or alcohol functional groups. 

The reaction conditions are mild; therefore, this technique has been used to prepare 

composite hydrogels for cell encapsulation [52]. The crosslinking degree is one of 

the main factors that determine several hydrogel properties, such as porosity, 

diffusivity, elasticity, swelling/shrinking (water content), and degradation rate [29]. 

These properties are closely related; for example, a less crosslinked biomaterial is 

more porous, has a lower Young’s modulus, and would have a faster degradation 

rate. Thus, it is crucial to have precise control of the crosslinking reactions and 

ensure they are carried out under cytocompatible conditions.  

Hydrogel microfabrication strategies 

Cell-laden hydrogels can be formed in bulk using the crosslinking strategies 

mentioned above. However, in vitro 3D models have been significantly improved by 

microfabrication techniques that allow tuning hydrogel properties on the same length 

scale as the cell microenvironment (around 10-200 µm) [43]. Microengineered 

hydrogels, in the order of a few microns in at least one dimension, can help build 

tissue models with higher fidelity and increased control of mechanical and 

biochemical signals that influence cell behavior [27]. Furthermore, microtechnologies 
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allow scaling in vitro 3D cell culture platforms, offering the possibility to produce high-

throughput systems while reducing times and costs [53]. 

Fabricating microengineered hydrogels requires a controlled crosslinking 

process that allows precise spatial resolution [27]. Among the most used techniques 

are photopatterning, soft lithography and micromolding, microfluidics (droplet or fiber 

spinning systems), electrospinning, and 3D bioprinting [35,43]. Each fabrication 

strategy results in different types of microengineered hydrogels with distinct key 

features and applications (Table 1.1). Photopatterning, or UV lithography, was first 

developed for the microelectronics industry [54]. With this microfabrication technique, 

hydrogel structures are defined by exposing a prepolymer solution to UV light through 

a patterned mask, crosslinking the exposed regions. Soft lithography implies using 

elastomeric stamps to define structural or chemical patterns in a material [55]. The 

stamps are fabricated by cast molding of reusable master molds, which are in turn 

fabricated by conventional UV lithography techniques. The most common elastomer 

for soft lithography is polydimethylsiloxane (PDMS), a biocompatible, transparent 

polymer. The microstructured PDMS stamps can be used to transfer chemical 

micropatterns to the hydrogels; a technique called microcontact printing (μCP). In 

another soft lithography approach, called micromolding, stamps are used as negative 

molds to replicate features into a hydrogel, obtaining defined blocks. 

Microfluidic chips are increasingly used to fabricate hydrogel microstructures 

with improved control over their final dimensions [43]. Typically, the specifically 

designed microchannels are filled with hydrogel precursor solutions and crosslinked 

by mixing with a crosslinking solution inside or outside the chip. This technique has 

emerged as an alternative to bulk emulsification and extrusion, producing hydrogel 

microdroplets or microgels and microfibres. Electrospinning is another fiber-

generating approach that combines electrostatic forces and spinning to fabricate fine 

fibers (from 2 nm to a few μm in diameter) from polymer solutions or melts [56]. This 

hydrogel microfabrication technique is very attractive to create fibrous hydrogel 

scaffolds for tissue engineering. Finally, 3D bioprinting emerged from 3D printing or 

additive manufacturing as a technique to generate organized 3D scaffolds through 

the layer-by-layer deposition of bioinks [57]. Bioinks are made of cells suspended in 

a liquid polymer precursor solution that is printed using extrusion [58]. During or after 

printing, the bioink is gelled by thermal activation, photocrosslinking, or another 

cytocompatible process. The final bioink scaffold is a cell-laden hydrogel. 
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Fabrication 
technology 

Commonly used 
materials 

Types of 
microengineered 
hydrogels 

Key features and 
applications 

Photopatterning

 

HA, gelatin, 
polylysine (PLL), 
PEG, Polyurethane 
(PU) 

Patterned 
substrates 

-Forming patterned 
tissues 
-Generating shape-
controlled cell 
aggregations 

Micromolding

 

Alginate, agarose, 
heparin, HA, 
dextran, collagen, 
fibrin, gelatin, PEG, 
polyacrylic acid 
(PAA) 

Defined blocks 

-Forming cell 
aggregations with 
various shapes 
-Fabricating assembled 
tissue models 

Droplet 
microfluidics

 

Alginate, agarose, 
dextran, HA, 
collagen, gelatin, 
polyvinyl alcohol 
(PVA), PEG 

Microgels, 
microdroplets 

-Producing multicellular 
spheroids 
-Generating 
compartmentalized 
tissues 

Microfluidic 
spinning

 

Alginate, HA, 
chitosan, collagen, 
gelatin, PEG, PU, 
PAA, PLGA 

Microfibers 

-Simulating tubular 
tissues 
-Producing 
prevascularized 
scaffolds 

Electrospinning

 

Chitosan, collagen, 
gelatin, fibrin, silk, 
PCL, PU, PAA, 
PLGA 

Nanofibers 

-Guiding cell alignment 
and migration 
-Generating fibrous 
tissues (e.g., nerve) 

3D Bioprinting

 

Alginate, agarose, 
HA, gelatin, 
collagen, gellan, soy 
protein, fibrin, PEG,  
polylactic-co-glycolic 
acid (PLGA), 
polycaprolactone 
(PCL) 

Flexible scaffolds 

-Forming hierarchical 
tissues 
-Fabricating 
prevascularized 
scaffolds 
-Building complex 
devices 

Table 1.1. Current microfabrication technologies to produce diverse hydrogels with flexible 

functions. Adapted from Liu et al. [35]. 
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1.2. The skeletal muscle tissue 

1.2.1. Anatomy and physiology 

The skeletal muscle is one of the largest tissues of the human body, 

constituting approximately 40% of the fat-free body mass [59]. The primary role of 

the skeletal muscle is to generate contractile forces that are necessary for 

locomotion, thermogenesis, and metabolism [60]. Therefore, its correct function is 

essential for maintaining human health. The skeletal muscle tissue is formed by 

large, multinucleated cells called myofibers. These fibers are characterized by 

striations, which are seen as thin light and dark bands across the cells when 

observed under a microscope. Myofibers are organized parallel to each other in 

bundles, called fascicles. Individual myofibers are surrounded by a thin layer of 

connective tissue called endomysium, or basement membrane. The perimysium, a 

thickened connective tissue layer, encapsulates the fascicles, and the epimysium is 

a dense layer that surrounds the whole muscle (Figure 1.7) [61].  

Cellular structure of the skeletal muscle 

Skeletal muscle fibers are formed by the fusion of several muscle precursor 

cells during embryogenesis; therefore, they are multinucleated and long. Mature 

myofibers can be up to a few cm in length and have diameters of approximately 50-

70 µm, with their nuclei located along the periphery [62]. The skeletal myofibers have 

Figure 1.7. Structure of the skeletal muscle anatomy. The epimysium covers the whole muscle. 

Muscle fibers are grouped in bundles (fascicles). Each fasciculus is surrounded by perimysium 

while endomysium surrounds the individual myofibers. Each individual myofiber or myotube has a 

membrane (sarcolemma) and is composed of hundreds of myofibrils. Myofibrils are bundles of 

organized myofilaments and are surrounded by sarcoplasm. Adapted from Fernández-Costa et al. 

[61]. 
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a highly organized cytoskeleton composed of intracellular contractile proteins 

assembled into myofilaments. Bundles of organized myofilaments form myofibrils, 

which are aligned through the whole fiber. Myofibrils are repeating successive 

sections of the basic contractile unit of skeletal muscle, the sarcomere (Figure 1.8) 

[63].  

The sarcomere is a complex unit made of two main myofilaments: thick 

filaments (myosin and associated proteins) and thin filaments (α-actin and 

associated proteins), and it is bordered at each end by a line called Z-disk. These 

myofilaments are in an alternating arrangement that extends parallel to the muscle 

fiber axis. The striated appearance of skeletal muscle fibers is due to the repetition 

of the myofilaments and the different ways the light is transmitted in regions 

containing thick or thin filaments [62]. Thick filaments mostly contain myosin proteins 

with a head and tail structure. Myosin is considered an enzyme since it hydrolyzes 

adenosine triphosphate (ATP) (head) and a structural protein (tail). The myosin-

associated proteins mainly have structural functions, while others act as regulators 

Figure 1.8. Schematic diagram of the sarcomere summarizing organization and location of 

major sarcomeric proteins. Cytosolic Ca2+ causes a conformational change in the structure of 

troponin C, revealing myosin binding sites. Myosin heads successively bind and move along the 

length of actin, causing sarcomeric contraction. Titin and nebulin, function as molecular templates 

maintaining the length of the thick and thin filaments, respectively. The proteins within the M-line 

and Z-disk function mainly to maintain structural integrity of thick and thin filament lattices, 

respectively. The desmin intermediate filaments reinforce and integrate the structure of the muscle 

cell by forming transverse links between adjacent myofibrils. Adapted from Mukund and 

Subramaniam [63]. 
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of force generation [63]. Titin is an elastic protein that runs along the thick filament, 

and its primary role is to guarantee an equal force development through the 

sarcomere. It also acts as a molecular template for thick filaments [64]. Other 

proteins, such as myomesin and obscurin, associate myosin with titin. Creatine 

kinase also binds to myosin, working as a spatial ATP buffer for energy homeostasis. 

Thin actin filaments are associated with several proteins, such as troponin, 

tropomyosin, and nebulin. Troponin has different subunits that bind to actin (TNN-I), 

calcium (TNN-C), or tropomyosin (TNN-T). Tropomyosin stabilizes actin and acts as 

a scaffold for troponin on the actin filament [65]. Tropomodulin is the capping protein 

that regulates actin filament length by preventing polymerization or depolymerization. 

Nebulin has a similar role to titin but for thin filaments. Finally, another essential 

sarcomeric protein is α-actinin. It is located on the Z-disk and connects titin molecules 

from opposing sarcomere halves [63].  

Contraction and force generation 

The sarcomeric contraction involves the movement of the myosin heads 

(cross-bridges) on actin filaments towards the center of the sarcomere due to a 

sequence of enzymatic reactions (Figure 1.9). Force is generated within each 

myofibril and collectively experienced by the whole muscle [66]. Briefly, Ca2+ is 

released upon fiber depolarization, raising its concentration in the cytosol and binding 

to TNN-C. Ca2+ binding causes a conformational change in troponin that reveals sites 

for myosin binding on actin filaments [67]. In each cycle, the cross-bridge attaches 

to the actin filament, flexes, and then dissociates before returning to its initial 

configuration and a new binding site on the actin filament [62].  

Figure 1.9. Relative movement of actin and myosin filaments. This is achieved by the 

rotation of the cross-bridge head, which contains the myosin ATPase.  
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1.2.2. Skeletal muscle development 

Skeletal muscle fibers are formed by the fusion of muscle precursor cells 

(myoblasts) to generate multinucleated myotubes, which further mature into 

myofibers [68]. The development and regeneration of skeletal muscle are regulated 

by the myogenic regulatory factor (MRF) family of transcription factors [69] (Figure 

1.10). The only myogenic precursors present after birth in humans are the satellite 

stem cells (SSCs), located at the periphery of myofibers, on their surface, and 

beneath their basement membrane (Figure 1.11) [70]. These cells are produced by 

activation of precursor cells expressing PAX3 and PAX7 [71–73]. SSCs are generally 

quiescent, but during development or after an injury, they are activated by the 

expression of MYF5 and MYOD1, which induce the myogenic program. SSCs in a 

proliferative phase are then called myoblasts. The majority of myoblasts proliferates 

Figure 1.10. Regulation of myogenic differentiation by transcription factors. Satellite cells 

expressing PAX7 derive from the progenitor cells expressing PAX3/PAX7. Following activation of 

MYF5 expression in satellite myogenic cells, the myogenic program is activated and myoblasts 

start expressing MYOD1. Activation of MYOG and MEF2, with downregulation of MYF5 and later 

MYOD1, marks the start of terminal differentiation into myofibers. Activation of MRF4 occurs 

several days after the induction of differentiation, following a reduction in MYOG expression. 

Figure 1.11. Satellite cell location. (A) Healthy adult myofibers present nuclei at the fiber 

periphery. (B) Electron microscopy image of the satellite cell location. Black arrows depict the 

basal lamina, and white arrows show satellite cell and myofiber membranes; note the sarcomeric 

organization within the myofiber. Adapted from Yablonka-Reuveni and Day [70]. 
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and differentiates, while the other part goes back to quiescence and restores the pool 

of SSCs [74]. Myogenesis continues with the activation of MYOG and MEF2, while 

MYF5 and MYOD1 are downregulated. Then, terminal differentiation of myoblasts 

into myotubes is induced by activation of a second wave of MRFs (MYOG and 

MRF4). Mature myotubes present a reduction of MYOG expression. Moreover, they 

express muscle-specific genes, such as myosin heavy chain (MHC), sarcomeric α-

actinin, and titin [75]. 

1.2.3. Composition of the skeletal muscle extracellular matrix 

Myofibers are embedded within a natural 3D scaffold, the skeletal muscle 

extracellular matrix (ECM), mainly made of collagens, non-collagenous 

glycoproteins, proteoglycans, and elastin [76]. The skeletal muscle ECM is essential 

for muscle function since it allows a uniform distribution and transmission of force 

from muscle to tendon. Besides, the ECM interactions are crucial to maintaining the 

mechanical homeostasis within the muscle [63]. As described above, the ECM is 

typically classified into three organized layers: endomysium, perimysium, and 

epimysium (Figure 1.7). Nevertheless, with the increasing knowledge of ECM roles 

and complexity, it has been argued that a less simplistic skeletal muscle ECM 

organization should be determined [63,76,77].  

Collagens are the most abundant proteins of the skeletal muscle ECM. 

Glycoproteins are implicated in tissue organization and cell-matrix interactions, and 

proteoglycans participate in signaling and tissue regeneration [63]. The basement 

membrane is formed mostly by collagen type IV and laminins, while collagen type I 

is found mainly in the perimysium and epimysium. All types of collagens in the ECM 

provide structural support and allow tissue mechanotransduction [78]. In brief, 

collagen type I fibers provide tensile strength and rigidity. In contrast, collagen type 

III forms a loose mesh that offers elasticity to the inner layers of the intramuscular 

connective tissue. Collagen type IV integrates laminins and other proteins into a 

stable structure, whereas the less abundant collagen type VI is present in all ECM 

layers [76]. 
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1.2.4. Skeletal muscle metabolism 

Energy metabolism 

Apart from the biomechanical perspective of skeletal muscle as a tissue 

responsible for movement generation due to the contraction of its fibers, the skeletal 

muscle is essential for energy metabolism. The insulin-sensitive glucose transporter 

type 4 (GLUT4) mediates glucose transport into the muscle. Nutrient increase in the 

blood after a meal triggers insulin secretion, which regulates the translocation of 

GLUT4 from intracellular sites to the sarcolemma. Without insulin, most GLUT4 are 

located in the trans-Golgi network, endosomes, and heterogeneous tubulo-vesicular 

structures containing specialized GLUT4 storage vesicles (GSVs) and endosomal 

sorting intermediates. Only around 5% of the total GLUT4 pool is located on the cell 

surface in the absence of insulin. GSVs translocate to the sarcolemma in response 

to insulin or exercise, which leads to a 10-fold increase in glucose uptake [79].  

Around 80-90% of insulin-stimulated glucose uptake occurs in the skeletal 

muscle tissue, where glucose is broken down (glycolysis) or stored as glycogen 

(Figure 1.12). Under physiological conditions, roughly two-thirds of all glucose-6-

phosphate is turned into glycogen, and one-third enters glycolysis [80].  In glycolysis, 

glucose is converted into pyruvate, producing energy in the form of ATP and NADH 

[81]. During the last step of anaerobic glycolysis, pyruvate is converted to lactate. 

However, during aerobic glycolysis, pyruvate is transported into the mitochondria and 

converted to acetyl-CoA. Acetyl-CoA enters the tricarboxylic acid (TCA) cycle, 

producing NADH. Lipids that enter the muscle cell by fatty acid transporters are 

broken down through β-oxidation of fatty acids and also generate acetyl-CoA, leading 

to NADH generation. The electron transport chain in the mitochondria uses NADH to 

produce ATP and water [82]. 

Insulin resistance and type 2 diabetes 

The development of type 2 diabetes occurs in stages. From a general 

perspective, the onset of the disease involves a reduction in insulin’s ability to 

stimulate glucose uptake in the muscle (clearing glucose from the blood), termed 

insulin resistance. The failure of GLUT4 translocation to the sarcolemma in response 

to insulin is considered one of the early steps in developing insulin resistance, which 

is the hallmark of metabolic syndrome and a precursor of type 2 diabetes [60,79,83].  
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Figure 1.12. Schematic representation of the major pathways involved in muscle energy 

metabolism. Glycolysis occurs outside the mitochondrion, when a 6-carbon is converted to a 3-

carbon pyruvate molecule producing energy in the form of ATP and NADH. Pyruvate is additionally 

transported into the mitochondrion, where it is converted to acetyl-CoA and enters the tricarboxylic 

acid (TCA) cycle. Acetyl-CoA is also generated via β-oxidation of lipids in the mitochondrion. The 

energy generated during TCA (NADH) is used by the electron transport chain, in the cristae of the 

mitochondrion to generate three ATP molecules and water. In anaerobic glycolysis, the generated 

NADH is used for lactate production, in contrast to the oxidative phosphorylation system for ATP 

generation under aerobic conditions. For simplicity, the number of molecules of ATP, NADH, or NAD 

are not indicated. 



INTRODUCTION 

 

51 

Even though pancreatic β-cell failure is required for developing type 2 diabetes, 

skeletal muscle insulin resistance is considered the primary defect, evident decades 

before β-cell failure and hyperglycemic symptoms [80]. 

In the primary phase of insulin resistance, insulin secretion from healthy β-

cells is increased to offset the defect in insulin action and maintain normal glucose 

plasma concentrations. As the syndrome progresses to diabetes, this amplified 

insulin secretion cannot compensate for the defect in insulin-stimulated glucose 

uptake, and glucose intolerance arises. In the late stage of diabetes, the pancreatic 

β-cells lose their extra insulin secretion capacity in response to hyperglycemia 

[60,80]. As described above, insulin resistance involves the insulin receptor; 

however, it has been shown that several other hormones and signaling events can 

weaken insulin action, thus are important in type 2 diabetes [79,83,84].  

Skeletal muscle as an endocrine organ 

Barely less than two decades ago, the skeletal muscle was identified as an 

endocrine organ that produces and secretes cytokines and other peptides in 

response to contraction [85]. These “myokines” exert autocrine metabolic effects 

Figure 1.13. The main autocrine effects of skeletal muscle contraction-induced myokines. 

IL: interleukin; FGF: fibroblast growth factor; SPARC: secreted protein acidic and rich in cysteine; 

BDNF: brain-derived neurotrophic factor. 
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(Figure 1.13). They are also involved in paracrine and endocrine regulation, affecting 

other tissues or organs, such as the liver, brain, kidney, pancreas, bone, and adipose 

tissue (Figure 1.14) [84,86].  

Muscle-derived interleukin(IL)-6 is the most studied myokine. IL-6 came into 

focus when it was observed to increase up to 100-fold in circulation during physical 

exercise [87]. Since then, hundreds of myokines from different families have been 

discovered by analyzing the secretome of cultured human myocytes [88]. Increasing 

evidence shows that muscle-derived myokines can improve human health and could 

alleviate some diseases. However, only a few myokines have been significantly 

characterized in biological activity and function [89]. For instance, several exercise-

induced myokines, such as IL-6, IL-15, and Irisin, are implicated in lipolysis and free 

fatty acid oxidation [90]. A summary of the myokines and known functions identified 

to date can be found in Table 1.2. 

Figure 1.14. The skeletal muscle secretes myokines and communicates with other organs. 

Myokines mediate the cross talk between skeletal muscle and other organs or tissues by binding 

to receptors on target cells. 
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Table 1.2. Myokines and their known metabolic functions. Adapted from Chen et al. [90]. 

Myokine Target organs or 
tissues 

Metabolic functions 

Adiponectin Adipose tissue, 

pancreas 

Induces anti-inflammatory action and enhances β-cell 

function 

BDNF Neuronal system, 

brain, subcutaneous 

fat, skeletal muscle 

Improves learning and memory, induces fat browning, 

and regulates skeletal muscle metabolism 

CTSB Brain Enhances memory cognition function, and 

hippocampal neurogenesis 

CX3CL1 Pancreas Protects β-cells against TNF-α 

CXCL10 Pancreas Critical for exercise-dependent angiogenesis 

FGF-2 Bone Improves bone formation and fracture repair 

FGF21 Adipose tissue, liver Reduces glucose and triglyceride levels and boosts 

insulin sensitivity and lipolytic response 

Follistatin Liver, heart, pancreas Stimulates glucose uptake, promotes endothelial cell 

functions, promotes revascularization, enhances β-

cell function, reduces liver fibrosis and functional 

damage, maintains cardiac growth and development 

IGF-1 Bone, brain Enhances bone remodeling and neuropsychiatric 

function 

IL-6 Liver, skeletal muscle, 

adipose tissue, 

pancreas, bone 

Modulates muscle growth, maintains glucose 

homeostasis and lipid metabolism, enhances FFA 

oxidation and insulin sensitivity, increases osteoblast 

differentiation 

IL-7 Bone Inhibits bone formation 

IL-10 Adipose tissue Induces anti-inflammatory effects and enhances 

glucose tolerance 

IL-15 Adipocytes, bone, 

skeletal muscle 

Regulates glucose uptake, enhances mitochondrial 

activity, prevents oxidative stress, and regulates the 

accumulation of lipids 
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Irisin Brain, bone, heart, 

adipocytes, kidney, 

blood vessels 

Stimulates fat browning, enhances glucose uptake 

and lipid metabolism, regulates muscle growth, and 

promotes osteoblast differentiation 

LIF Bone, neurons, liver, 

skeletal muscle, 

platelets 

Regulates skeletal muscle hypertrophy and 

regeneration, promotes osteoblast differentiation, 

inhibits adipocyte differentiation, and protects against 

cancer cachexia 

Musclin Skeletal muscle, 

bone, brain, heart 

Attenuates glucose uptake and glycogen synthesis, 

increases exercise capacity, regulates bone growth 

and brain remodeling, controls blood pressure and 

vascular contraction 

Myonectin Liver, heart adipocyte, 

skeletal muscle 

Promotes glucose uptake and stimulates fatty acid 

oxidation 

Myostatin Skeletal muscle, 

adipose tissue, liver, 

bone 

Modulates muscle growth, attenuates obesity and 

insulin resistance, regulates bone remodeling, 

induces energy expenditure and adipocyte browning 

SPARC Adipocytes, skeletal 

muscle 

Modulates skeletal muscle tissue remodeling, inhibits 

adipogenesis, and enhances systemic glucose 

tolerance 

 

Interleukin-6 and exercise 

Interleukin (IL)-6 is part of the granulocyte colony-stimulating factor-like 

protein family of cytokines. This cytokine is known to have different 

immunomodulatory functions that may be anti-inflammatory, pro-inflammatory, or 

both, depending on the tissue where it is produced [91]. Nowadays, it is known that 

IL-6 can be produced by immune system cells, adipocytes, and muscle fibers. When 

synthesized by the immune system cells and adipocytes, IL-6 has a pro-inflammatory 

function [92]. However, when secreted by muscle fibers, IL-6 appears to have a 

contradictory role [93]. In skeletal muscle, IL-6 can be synthesized through the 

macrophages’ initial infiltration in the muscle, leading to pro-inflammatory effects 

[92,94] or produced by myofibers, triggering anti-inflammatory effects [95]. It has 

been demonstrated that IL-6 is acutely synthesized and secreted post-exercise and 

has an insulin-like effect on glucose metabolism, increasing insulin-stimulated 

glucose consumption in human skeletal muscle [88]. Furthermore, the most recent 

research has shown that the release of contraction-induced IL-6 triggers positive 



INTRODUCTION 

 

55 

effects on mitochondrial health and bones and helps control low-grade chronic 

inflammation through lipid oxidation and IL-6 anti-inflammatory effects [96–98]. For 

example, exercise and muscle-produced IL-6 inhibit endotoxin-induced tumor 

necrosis factor-alpha (TNF-α) production in humans [99], and elevated levels of TNF-

α, a pro-inflammatory cytokine, are associated with low-grade inflammation, insulin 

resistance, and atherosclerosis. Nonetheless, these IL-6 anti-inflammatory effects 

are only significant in individuals with low baseline plasma IL-6 values. Therefore, it 

is suggested that high plasma levels of IL-6 in the absence of exercise are more 

closely related to obesity and metabolic syndrome [100,101]. 

1.2.5. Muscular dystrophies 

The skeletal muscle tissue can be affected by several neuromuscular or 

degenerative disorders, such as myasthenia gravis [102], McArdle disease [103], 

and muscular dystrophies [104]. Muscular dystrophies are genetically inherited 

degenerative diseases that share muscle weakness and wasting as common 

symptoms. Nevertheless, these are very heterogeneous disorders, varying in the age 

of onset, progression rate, inheritance pattern, and type of affected muscles [104–

106]. Rare muscular dystrophy variants are continuously identified. These disorders 

are usually grouped into the following types: myotonic, Duchenne, Becker, Limb-

girdle, facioscapulohumeral, congenital, oculopharyngeal, distal, and Emery-

Dreifuss [106]. Myotonic dystrophies are the most frequent in the adult population, 

affecting between 1 per 3000 and 1 per 8000 adults [107]. Instead, Duchenne 

muscular dystrophy is the most common in children and is found in approximately 1 

per 5000 boys [108]. While individually muscular dystrophies are considered rare 

diseases, the overall prevalence of combined muscular dystrophies is around 16.14 

per 100,000 [109]. Thus, they have a significant impact on society. 

Some palliative treatments are available for these diseases, but there is 

currently no cure for any muscular dystrophy. The underlying heterogenicity of these 

diseases represents a significant challenge in developing new treatments because it 

is highly expected that each patient would have a different response to a particular 

therapy. Remarkably, some drugs for specific muscular disorders have been 

developed in the last decade, including small molecules and antisense 

oligonucleotides [110–114]. Still, these therapies must be validated for efficacy and 

safety in the clinical phases before being widely used in patients. 
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Myotonic dystrophy type 1 

Myotonic dystrophy type 1 (DM1) is a life-threatening, chronically debilitating 

disorder and the most prevalent hereditary myopathy in adults (for a recent review of 

DM1 hallmarks, see [115]). Although it is a multisystemic disease, the characteristic 

feature of DM1 is progressive muscle atrophy, which is a reduction in the size of the 

skeletal muscle tissue due to protein, cytoplasm, and organelle loss that cause 

myofiber shrinking [116]. Muscle atrophy usually presents in a distal pattern; 

therefore, the forearms, hands, ankles, tongue, jaw, and neck muscles are affected 

more frequently [117]. Moreover, another common symptom of DM1 patients is 

myotonia (difficulty relaxing a contracted muscle) [118]. As observed in skeletal 

muscle biopsies from healthy tissues and DM1 patients, DM1 tissues present a 

significant increase in central nuclei, pyknotic nuclear clumps, ring fibers, irregular 

nuclei shape, and myofiber size variability (Figure 1.15) [115].  

The molecular cause of DM1 is a dynamic mutation that expands the 

cytosine-thymine-guanine (CTG) triplet repeat in the 3’ non-translated region of the 

Dystrophia Myotonica Protein Kinase (DMPK) gene [119]. CTG varies between 5 

and 37 repeats in healthy conditions but becomes pathogenic at >50 repeats. The 

resulting expanded Cytosine-uracil-guanine (CUG) repeat RNAs (CUGexp) 

accumulate in ribonuclear foci, consisting of hairpin structures that sequester RNA-

binding proteins (Figure 1.16) [120]. This mutant DMPK RNA causes toxic gene 

misregulation events at the level of gene expression [121,122], translation [123], 

Figure 1.15. Healthy and myotonic dystrophy type 1 (DM1) human skeletal muscle 

histopathology. Key histopathological signs of DM1, including central nuclei (white arrow), 

pyknotic nuclear clumps (grey arrow), and ringed fibers (black arrow). Irregularities in fiber shape 

and size can also be observed. Adapted from Ozimski et al. [115]. 
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gene silencing [124–127], alternative splicing [128–130], and polyadenylation of 

subsets of transcripts [131]. Proteins of the Muscleblind-like (MBNL) family (such as 

MBNL1 and MBNL2) and the CUGBP Elav-like family member 1 (CELF1) are the 

most affected by the CUGexp foci. MBNL proteins are sequestered in these CUG foci 

and depleted, impairing their molecular function [132]. In contrast, CELF1 is 

abnormally stabilized. These proteins are critical regulators in RNA splicing, 

polyadenylation, stability, and translation [133]. Therefore, at a molecular level, DM1 

is characterized by a loss-of-function of MBNL1–2 and a gain-of-function of CELF1 

[117,120]. 

Figure 1.16. RNA toxicity model for DM1 pathogenesis. CUGexp repeat RNAs  accumulate in 

ribonuclear foci forming hairpin structures that sequester RNA-binding proteins, such as  proteins 

of the Muscleblind-like (MBNL) family. MBNL proteins are sequestered (toxic loss-of-function) while 

CUGBP Elav-like family member 1 (CELF1) is abnormaly upregulated (toxic gain-of-function). 

Figure 1.17. Strategies for treating myotonic dystrophy. Adapted from Thornton et al. [142]. 
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Figure 1.18. MicroRNA (miRNA) mechanisms for mRNA translation, regulation, and 

therapeutic intervention. (A) miRNA normal function. The interaction between miRNA and mRNA 

targets triggers different mechanisms for transcript regulation in order to reach normal cellular 

protein levels. (B) Causes of miRNA dysregulation. Alterations in miRNA biogenesis, editing, or in 

its biological stability may cause pathological upregulation or downregulation, which lead to 

decreased or increased target transcript translation regulation and final protein levels, respectively. 

(C) miRNA-based technologies. (Upper panel in C) When a miRNA is upregulated, inhibition is 

achieved by using antimiR products (in red) after miRNA-targeting drug development. AntagomiR 

synthetic molecules are antisense oligonucleotides (ASOs) perfectly complementary to the specific 

miRNA target. BlockmiRs are designed to have a sequence that is complementary to one of the 

mRNA sequences that serve as a binding site for a microRNA. miRNA sponges contain several 

tandemly arranged miRNA target sequences usually embedded in the 3’UTR of a reporter gene for 

assessing the activity. (Lower panel in C) miRNA replacement is conducted to restore its function 

by introducing a miRNA mimic product (in green) and, thus, following miRNA-based drug 

development. Adapted from López-Castel et al. [113]. 
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Although considerable progress has been made in studying the molecular 

causes of DM1, there is no effective treatment for patients to date. Animal models, 

such as mouse [134], fly [135–137], and zebrafish [138], have been used to evaluate 

different therapeutic candidates [110,113,139–142]. Several therapeutic strategies 

have been designed to target the mutant allele or its RNA product specifically. Other 

approaches target signaling pathways downstream from CUGexp expression. These 

strategies are summarized in (Figure 1.17) [142]. Among them, therapeutic gene 

modulation by microRNAs (miRs) is a promising approach that can regulate the 

endogenous expression of a gene to mitigate a particular disease (Figure 1.18) 

[143]. Following this strategy, it has been demonstrated that miRs that inhibit MBNL 

translation can be silenced by antisense oligonucleotides (antagomiRs). Concretely, 

specific blocking of miR-218 and miR-23b has increased MBNL protein levels and 

rescued mis-splicing events in DM1 human myoblasts [143] and HSALR DM1 model 

mice, where low toxicity, high efficacy, and long-lasting biological effects were 

observed [143,144]. While these are encouraging results, the effectiveness of 

treatments for DM1 still needs to be investigated in clinical phases. As previously 

mentioned, the intrinsic heterogeneity of all muscular dystrophies predicts that each 

patient would have a different response to any given therapy. Consequently, there is 

a great clinical need for personalized treatments that target these diseases 

effectively. Due to the advances in tissue engineering, human-derived in vitro tissues 

are emerging as new preclinical research tools [145,146]. In particular, 

bioengineered in vitro skeletal muscle tissues would provide more efficient and 

predictive models to improve drug development for muscular dystrophies. The most 

recent advances and techniques for generating in vitro models of skeletal muscle 

tissue are discussed in the next section. 

1.3. Skeletal muscle tissue in vitro models 

The skeletal muscle tissue has a complex, organized architecture that is 

closely related to muscle function. This tissue is made of aligned multinucleated 

myofibers formed by the fusion and differentiation of muscle precursor cells. Animal 

and human cell lines have been extensively used for translational studies and to 

evaluate and establish different tissue engineering approaches. The most widely 

used biomaterials for skeletal muscle tissue models are based on microfabricated 

hydrogels. Due to the importance of cell alignment, the primary fabrication strategies 
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focus on providing effective topographical cues that guide the alignment and fusion 

of muscle precursor cells. The most recent skeletal muscle tissue in vitro models will 

be presented in this chapter and are summarized in Table 1.3. 

Table 1.3. Novel bioengineering approaches to fabricate skeletal muscle tissue models.  

Biomaterial Cell type(s) Biofabrication 

technique 

Highlights  Reference 

Alginate 

dialdehyde-gelatin 

C2C12 

myoblasts 

3D Bioprinting Easy method to 

align cells by 

combining 

bioprinting with 

appropriate shear 

stress 

(Distler et 

al., 2020) 

Alginate-PEO 

bioink with PLC 

C2C12 

myoblasts and 

HUVEC 

endothelial cells 

3D printing and 

electrospinning 

Biophysical and 

biochemical cues 

facilitate myoblast 

alignment 

(Yeo and 

Kim, 2020) 

Collagen C2C12 

myoblasts and 

Human 

microvascular 

endothelial cells 

Extrusion 

technique 

Implantation of 

endothelialized 

skeletal muscle 

tissue enhances 

microvascularizati

on  

(Nakayama 

et al., 

2019) 

Collagen C2C12 

myoblasts 

Micromolding Development of a 

3D myogenesis 

approach with a 

vessel embedded 

system 

(Wan et al., 

2020) 
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Collagen with 

gold nanowires 

C2C12 

myoblasts 

3D Bioprinting New bioink with 

gold nanowires as 

cell aligners that 

improve the cell 

orientation when 

applying an 

electrical field 

(Kim, Jang 

and Kim, 

2019) 

Collagen-

Matrigel® 

Primary 

myoblasts from 

mdx mouse 

model 

3D Casting Automated drug 

screening BAM-

based platform 

(Vandenbur

gh et al., 

2008) 

Collagen-

Matrigel® 

Primary human 

myoblasts 

3D Casting High throughput 

micro-muscle 

platform.  

(Mills et al., 

2019) 

dECM C2C12 

myoblasts 

Thermal 

gelation 

New biomaterial 

that enhances 

muscle 

regeneration 

when 

transplanted  

(Lee et al., 

2020) 

dECM  Primary human 

myoblasts and 

HUVEC 

endothelial cells 

3D bioprinting  Enhanced muscle 

regeneration after 

implantation of 

prevascularized 

muscle bundles in 

a rodent model  

(Choi et al., 

2019) 

dECM 

(Methacrylated) 

C2C12 

myoblasts 

3D Bioprinting Biochemical and 

topographical 

cued biomaterial 

scaffold 

(Kim et al., 

2020) 
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Fibrin Primary human 

myoblasts 

3D casting Intramuscular 

drug delivery in 

vitro model  

(Gholobova 

et al., 

2018) 

Fibrin-alginate C2C12 

myoblasts 

Electrospinning Study of different 

mechanical 

strains to improve 

myogenic 

outcomes 

(Somers et 

al., 2019) 

Fibrin-Gelatin C2C12 

myoblasts 

3D bioprinting Study of force 

modulation and 

adaptability of 3D 

printed muscles 

(Mestre et 

al., 2019) 

Fibrin-gelatin-HA-

glycerol 

human primary 

muscle 

progenitor cells 

(hMPCs)  

3D bioprinting  Functional 

recovery after 

implantation of 

multilayered 

bundles in a 

rodent model 

(Kim et al., 

2018) 

Fibrin-GeltrexTM Primary human 

myoblasts and 

human stem 

cells-derived 

motoneurons 

Hydrogel 

casting of 

bundles 

attached to 

Velcro® anchors 

Myobundles with 

neuromuscular 

junctions in long-

lasting cultures  

(Bakooshli 

et al., 

2019) 

Fibrin-Matrigel® iPSCs from 

DMD, LGMD 

other CDM 

patients 

3D casting Mature myotube 

recapitulates 

pathogenic 

hallmarks 

(Maffioletti 

et al., 

2018) 
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Fibrin-Matrigel® C2C12 

myoblasts 

Micromolding Fabrication of a 

high-throughput 

multiassay 

platform for the 

generation of 

engineered 

contractile muscle 

bundles 

(Christense

n et al., 

2020) 

Fibrin-Matrigel® Primary human 

myoblasts 

Hydrogel 

casting of 

bundles within 

nylon frame 

First functional 

engineered 

skeletal muscle  

(Madden et 

al., 2015) 

Fibrin-Matrigel® Human induced 

pluripotent stem 

cells 

Hydrogel 

casting of 

bundles within 

nylon frame 

First functional 

engineered 

human skeletal 

muscle from 

iPSCs 

(Rao et al., 

2018) 

Fibrin-Matrigel® Primary human 

myoblasts 

Hydrogel 

casting of 

bundles within 

nylon frame 

Engineered 

myobundles with 

the highest 

specific forces 

reported to date 

(Khodabuk

us et al., 

2019) 

Gelatin  C2C12 

myoblasts 

Micropatterning Enhancing of the 

expression 

sarcomeric genes 

(Denes et 

al., 2019) 

GelMA C2C12 

myoblasts 

Microfluidic 

extrusion device 

Patterned surface 

fibers enhance 

myogenic 

differentiation  

(Shi et al., 

2015)(Ebra

himi et al., 

2018) 
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GelMA C2C12 

myoblasts 

3D Casting Characterization 

of geometrical 

confinement and 

mechanical 

stiffness of 

scaffolds  

(Costantini, 

Testa, 

Fornetti, et 

al., 2017) 

GelMA and 

Collagen 

methacrylate 

C2C12 

myoblasts, 

human adipose 

stem cells, and 

human primary 

muscle 

progenitor cells 

(hMPCs) 

3D bioprinting Functional 

GelMA-based 

bioink for highly 

aligned 

scaffolding  

(Kim and 

Kim, 2020) 

PEG-fibrin C2C12 

myoblasts 

3D bioprinting Novel approach to 

generate skeletal 

muscle using a 

self-made 3D 

bioprinting 

(Costantini, 

Testa, 

Mozetic, et 

al., 2017) 

Poly(ethylene 

glycol) (PEG) -  

poly(3,4- 

ethylenedioxythio

phene) (PEDOT) 

C2C12 

myoblasts 

Micropatterning Fabrication of a 

conductive 

microgrooved 

hydrogel for 

myogenic 

differentiation. 

(Gong et 

al., 2019) 

Polycaprolactone 

(PCL) 

C2C12 

myoblasts 

E-field assisted 

3D printing 

New technique to 

generate highly 

aligned skeletal 

muscle tissue  

(Kim, Kim 

and Kim, 

2020) 
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1.3.1. Cell sources 

C2C12 murine myoblasts 

The C2C12 cell line is a subclone of C2 myoblasts [produced by 147] that 

were initially isolated from the thigh muscle of a C3H mouse [148]. These cells 

differentiate fast in culture after serum removal, generating contractile myotubes that 

express the characteristic skeletal muscle proteins [149]. Before differentiating, 

C2C12 myoblasts are star-shaped, mononucleated cells. When myogenic 

differentiation begins and myoblasts start to fuse, there is a progressive cell shape 

change towards elongated, multinucleated fibers [150]. The C2C12 cell culture 

methods and differentiation protocol have been established and well-documented for 

more than two decades [151]. Thus, this cell line has been extensively used in 

biomedical research to study myogenic differentiation and skeletal muscle 

metabolism [reviewed in 152]. Mouse and human myoblasts have shared 

characteristics in morphology and surface markers. Still, some differences have been 

identified in proliferation and differentiation rates and expression of differentiation 

factors [153]. 

Human primary muscle stem cells 

Satellite stem cells (SSCs) are considered the only source of expandable 

primary myogenic cells present in skeletal muscle [154,155]. These cells can be 

isolated for in vitro research by explant culture or by enzymatic digestion. For explant 

culture methods, the myofibers are carefully dissected to separate them from their 

ECM. The myofibers are then placed in dishes coated with gelatin, collagen, or 

another ECM-like material, where the SSCs activate, migrate, and proliferate [155]. 

The other method consists of releasing SSCs by enzymatic digestion and 

mechanical dissociation. The cells are subsequently filtered to obtain single cells in 

suspension for further plating and expansion [155,156]. Freshly isolated cell 

preparations are referred to as SSCs. Once satellite cells are cultured and in 

proliferation, the resulting cells are called myogenic precursor cells or myoblasts 

[154]. Similar to C2C12 cells, primary human myoblasts proliferate in high serum 

media and fuse forming multinucleated myotubes when cultured in low serum media. 

Nevertheless, there are several disadvantages of working with these cells. After 

serial passaging, they become senescent, limiting their proliferative capacity, 
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decreasing their ability to differentiate, and variating in phenotype due to the 

progressive accumulation of DNA damage [157]. 

Immortalized human muscle precursor cells 

Immortalized cell lines have been developed to overcome the problems 

associated with replicative senescence. In myoblasts, replicative senescence mainly 

occurs due to two mechanisms: 1) progressive shortening of telomeres at each cell 

division and 2) activation of the p16-mediated cellular stress pathway [157]. 

Telomere shortening can be stopped by transducing the cells introducing the cDNA 

coding for the telomerase catalytic subunit (human telomerase reverse transcriptase: 

hTERT) [158]. In fact, many cell types, such as fibroblasts and endothelial cells, can 

be immortalized by introducing hTERT cDNA alone. Nevertheless, in human 

myoblasts, the expression of cyclin-dependent kinase (CDK)-4 is also required to 

block the p16INK4a-dependent stress pathway [157].  

Immortalized myoblasts are even more relevant in the context of muscular 

dystrophies. The comparatively short proliferative lifespan of primary myoblasts is 

more reduced in muscular dystrophies after many cycles of 

degeneration/regeneration occur in vivo before cell isolation [159]. Since the 

development of models for in vitro studies requires large cell numbers that are difficult 

to obtain with primary cultures, immortalized cell lines of muscular dystrophies 

represent an essential, necessary tool for comprehensive in vitro studies of these 

disorders. 

Transdifferentiated human fibroblasts 

Skeletal muscle biopsies are invasive and not always available, especially if 

a preexisting condition compromises the patient’s health. For a less invasive 

approach, skin fibroblasts have been reprogrammed to develop transdifferentiated 

myoblasts cells [160–162]. In these studies, fibroblasts were transduced with 

lentiviral vectors to force the overexpression of MYOD1 and obtain easily accessible 

human cells for skeletal muscle tissue engineering. 

Human pluripotent stem cells (hPSCs)-derived myoblasts 

Myoblasts have been successfully derived from human pluripotent stem cells 

(hPSCs), which include human embryonic stem cells (hESCs) [163] and human 

induced pluripotent stem cells (hiPSCs) [164]. hPSCs are considered a nearly 
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unlimited cell source with differentiation capability into all three germ layers of the 

embryo. Their differentiation into myogenic cells has been explored in the last decade 

by following transgene-dependent and transgene-free approaches. For instance, the 

overexpression of MYOD1 by transfection has been used to obtain hPSCs-derived 

myoblasts to study Miyoshi myopathy and Duchenne muscular dystrophy [165,166]. 

hPSCs-derived myoblasts have also been obtained by the transgenic 

overexpression of PAX7 (expressed by the SSCs before MYOD1), resulting in 

expandable cells called iPax7 [167,168]. Finally, hPSCs can be differentiated 

through transgene-free strategies that simulate complex developmental events using 

growth factors and other small molecules [169,170]. However, these differentiation 

protocols are still very long, expensive, and need to be optimized. 

1.3.2. Microfabricated topographical cues for 2D cell culture 
models of skeletal muscle 

The simplest in vitro assays for skeletal muscle differentiation are performed 

by seeding myoblasts on culture vessels without any cell alignment. However, 

microfabrication strategies such as micropatterning, electrospinning, bioprinting, and 

microfluidic spinning have been used to create cell culture surfaces that provide 

topographical cues for the 2D culture of aligned myofibers. These models have 

highlighted the importance of geometrical cues for improving differentiation into 

aligned myotubes. Recently, RNAseq analyses of C2C12 myotubes cultured on 

micropatterned gelatin hydrogels demonstrated the positive effect of topographical 

cues on the maturation of skeletal muscle cells [171]. The results showed that 

micropatterned cells have an increased capacity to form aligned sarcomeres and 

present an enhanced contractile protein expression. In another study, poly(ethylene 

glycol) (PEG)-based microgrooved hydrogels were used to provide topographical 

and electrical stimuli to the cells [172]. The electrical properties of the hydrogel were 

enhanced by combining the PEG hydrogel with poly(3,4-ethylenedioxythiophene) 

(PEDOT), and bioadhesion was possible due to the inclusion of tripeptide Arg-Gly-

Asp (RGD) motifs. 

Electrospinning is another common valuable technique for cell guidance due 

to the possibility of cell seeding over electrospun micro- or nanofibers. For example, 

mature myotubes have been formed over bundles of fibrin microfibers (Figure 

1.19A) [173]. Here, mechanical strains were applied to enhance the myogenic 
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differentiation of the immature myotubes. In another electrospinning approach, 

polyvinyl alcohol (PVA)-leached polycaprolactone (PCL) and collagen struts have 

been used as mechanical supporters with topographical cues for the co-culture of 

C2C12 myoblasts and human umbilical vein endothelial cells (HUVEC) [174]. 

HUVECs-laden alginate bioink was uniaxially electrospun on the supporters. C2C12 

myoblasts were seeded on the vascularized alginate scaffolds and formed mature 

myofibers with striated myosin heavy chain (MHC) patterns.  

Like electrospinning, bioprinting and microfluidic spinning have been used to 

generate highly aligned fibers on which cells can be seeded [37–42]. E-field-assisted 

Figure 1.19. Advanced 2D murine skeletal muscle models are fabricated through 

engineering topographical cues. (A) C2C12 seeded on fibrin microfibers proliferate and mature 

over 7 days. Nuclei are stained with DAPI (blue). Myotubes present myosin heavy chain (MHC, 

red) from day 5. Adapted from Somers et al. [173]. (B) Schematic representation of the fabrication 

process of unpatterned and micropatterned GelMA fibers. Field emission-scanning electron 

microscope images showing surface structures of the GelMA fibers. Scale bars: 20 μm. Adapted 

from Ebrahimi et al. [177]. (C) Characterization of endothelialized engineered murine muscle. 

Scanning electron microscopy images of randomly oriented or aligned scaffold nanofibers. Scale 

bars: 1 μm. Confocal microscopy images showing MHC (green) and CD31 (magenta) staining in 

differentiated myotubes on randomly oriented or aligned scaffolds. Scale bars: 100 μm. Adapted 

from Nakayama et al. [178]. 
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3D printing was used to engineer highly hierarchical PCL scaffolds with micro and 

nanoscale topographical cues [175]. Seeding C2C12 cells on top of these scaffolds 

enhanced cell alignment and increased myogenic markers. Similarly, microfluidic 

spun gelatin methacryloyl (GelMA) fibers with a well-defined surface morphology 

have been fabricated by extrusion through a microgrooved mold (Figure 1.19B) 

[176,177]. The topographical cues on micropatterned GelMA fibers promoted the 

alignment of seeded C2C12 myoblasts and myotube formation all around the fibers. 

Combined topographical cues with agrin treatment further enhanced myotube 

maturation and functionality, as shown by improved contractility under electrical 

stimulation [177]. Nano-fibrillar collagen fibers generated by extrusion have also 

been used to give geometrical cues to co-cultured C2C12 and endothelial cells 

(Figure 1.19C) [178]. Scaffold strips made of these nano-fibrillar collagen fibers 

promoted microvasculature and highly organized myotubes. Altogether, the 

outcomes of myoblast cell seeding and culture on these different microfabricated 

structures confirm that geometrical cues are fundamental for engineering mature 

myotubes in vitro. 

1.3.3. Tissue-engineered in vitro 3D models 

Microfabrication approaches in 2D models have highlighted the importance of 

including topological cues for in vitro culture of skeletal muscle tissue. However, 

topological cues alone cannot resemble the microenvironment of native skeletal 

muscle tissue. As described earlier (Chapter 1.1.2), 3D culture systems can also 

offer adhesive, soluble, and mechanical microenvironmental cues that influence cell 

behavior and function. For this reason, 3D scaffolds have become the gold standard 

for skeletal muscle tissue generation. The primary bioengineering strategy to mimic 

the extracellular environment and the native cellular morphology consists of 

encapsulating muscle cell precursors in biocompatible material scaffolds that 

promote cell alignment and differentiation [179]. These biomaterial scaffolds should 

provide cells with an appropriate 3D growth environment, optimal oxygen levels, 

effective nutrient transport, and mechanical integrity over an extended culture period 

[14]. Hydrogels of natural origin, such as collagen, gelatin, or fibrin, are the most 

used biomaterials to fabricate scaffolds for engineered skeletal muscle [180]. As 

previously described (Chapter 1.1.3), this is mainly due to their high water content 

and the presence of cell adhesion and degradation motifs that allow cell growth and 
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matrix remodeling. 3D bioprinting and hydrogel micromolding have been the most 

used strategies to fabricate skeletal muscle tissues in the last years.  

Murine 3D skeletal muscle models 

3D bioprinting is an advantageous technique for the fabrication of skeletal 

muscle tissue models due to the ability to control fiber alignment and orientation to 

generate highly ordered scaffolds [181]. Most of the bioprinting designs are based 

on lines or meshes that guide alignment. For instance, C2C12 cells have recently 

been embedded in alginate dialdehyde (ADA)-gelatin hydrogels by 3D printing, 

showing that cells orientate due to shear stress when controlling extrusion pressure 

through the properly-sized nozzle (Figure 1.20A) [182]. In this work, non-degradable 

Figure 1.20. Different biofabrication strategies for 3D culture of skeletal muscle cells. (A) 

Orientation analysis of C2C12 cells encapsulated by 3D bioprinting of cell-laden ADA-GEL bioink. 

Fluorescence microscopy images of C2C12 cells stained for F-Actin (red) and DAPI (blue). The 

cells were 3D printed using extrusion nozzles O30 (d= 330 µm, p= 30 kPa), O40 (d= 330 µm, p= 

40 kPa), and R60 (d= 250 µm, p= 60 kPa) (scale bars: 200 µm). The graphs show the 

corresponding frequency of F-Actin filament orientations depending on extrusion nozzles O30, 

O40, and R60. A narrowing of the orientation profile is observed. Adapted from Distler et al. [182]. 

(B) Multi-assay 3D printed poly(ethylene glycol) diacrylate (PEGDA) hydrogel platforms for casting 

fibrin hydrogel muscle bundles. Confocal images show cells stained for α-actinin (green) and nuclei 

(blue). Scale bars: 200 μm. Adapted from Christensen et al. [193]. 
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ADA was combined with gelatin to introduce RGD cell adhesion motifs. The 

encapsulated cells grow in the printing direction, migrate to the hydrogel surface over 

time, and differentiate into aligned myotubes. Following a similar approach, C2C12-

laden GelMA and collagen methacrylate were bioprinted and photocrosslinked to 

generate different 3D structures and obtain mature aligned myotubes [183]. 

Moreover, cell aligners can be added to the bioinks [184]. The authors previously 

bioprinted collagen along with gold nanowires that aligned following the desired 

directionality by applying an electric field. Besides, the addition of gold nanowires 

improved the electrical properties of the scaffolds.  

Another combination of natural and synthetic materials for 3D bioprinting was 

investigated using a custom-made bioprinting system [185]. In this work, aligned 

C2C12 myoblast-laden hydrogels of PEG-fibrinogen were produced using 

microfluidic-enhanced 3D bioprinting.  Alternatively to the scaffold structures based 

on 3D bioprinted meshes or lines, hydrogels based on fibrin or collagen can be 

printed or molded in a cast around flexible posts or pillars. These materials compact 

when cells remodel the matrix, generating skeletal muscle tissue [186–188]. These 

platforms allow force measurement of skeletal muscle after electrical stimulation. 

Myotube contractions result in post bending, and the observed displacement can be 

used as a proportional measurement of the muscle bundle forces. 

Hydrogel micromolding is another common microfabrication technique for 

skeletal muscle tissue engineering. Usually, PDMS, a biocompatible transparent 

polymer, is used to create micropatterned molds that transfer the desired features to 

3D hydrogels [189,190]. Costantini et al. encapsulated C2C12 myoblasts in GelMA 

hydrogels using PDMS molds with channels of different widths to investigate the 

effect of geometrical confinement and hydrogel stiffness [191]. The stiffness of these 

hydrogels was modulated by changing GelMA concentration and UV crosslinking 

time. The authors concluded that the best alignment and differentiation results were 

obtained with the narrowest (500 μm) channels and a low stiffness between 1 and 3 

kPa. Micromolding can also be used to cast 3D hydrogels around posts or pillars as 

described above. Recently, this technique was used to develop a new organ-on-a-

chip set up with an embedded vessel system [192]. To vascularize the engineered 

muscle, C2C12 cells were encapsulated in a collagen-Matrigel matrix around PDMS 

pillars. The researchers used a sacrificial wax template layer to create an embedded 

channel for HUVEC cell seeding. In another approach, a stereolithographic method 
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to 3D print poly(ethylene glycol) diacrylate (PEGDA) hydrogels with high precision 

and high accuracy was developed for more high-throughput studies. This technique 

allowed the mass-production of structures with posts or cantilevers (Figure 1.20B) 

[193]. The PEGDA platforms were used to cast fibrin hydrogel muscle bundles 

around the fabricated pillars. In the last couple of years, decellularized ECM (dECM)-

derived materials have emerged as attractive natural hydrogels to engineer muscle 

tissue [194,195]. dECM-derived hydrogels already have tissue-specific biochemical 

cues, such as growth factors, cytokines, proteoglycans, and structural adhesive 

proteins [196]. Compared with collagen, C2C12 cells encapsulated in dECM 

scaffolds resulted in more mature myotubes and better regeneration when implanted 

in an in vivo muscle defect animal model [194]. Furthermore, dECM can be 

methacrylated to allow bioprinting and photocrosslinking, providing stable topological 

cues for skeletal muscle engineering [195]. 

Human 3D skeletal muscle models 

In the last decade, skeletal muscle models have mainly been developed with 

murine myoblasts as a cell model. These studies highlighted critical features for 

skeletal muscle tissue engineering, such as topological cues, biomaterials, and 

biochemical factors. The next step is to incorporate human cells to obtain more 

relevant models that model specific diseases for personalized medicine applications. 

The first-ever reported 3D skeletal muscle tissues consisted of avian myoblasts 

encapsulated in a collagen I matrix compacted around pillars [197,198]. The matrix’s 

contraction promotes cell alignment in the direction of the pillars that act as anchoring 

points, producing long multinucleated myofibers [199]. As described in Chapter 

1.2.3, collagen I is one of the main components of the skeletal muscle extracellular 

matrix [76]. However, myogenic maturation and the tissue’s contractile force can be 

diminished due to the relatively high stiffness of collagen hydrogels, especially for 

large macroscopic scaffolds [14,78]. For this reason, besides collagen, materials with 

better mechanical properties are being employed. Among them, fibrin composite 

hydrogels appear to be the most promising materials for fabricating functional 

skeletal muscles due to their ability to be remodeled by cells and induce ECM 

synthesis [200].  

Functional human skeletal muscle tissues were developed for the first time by 

the Bursac group using primary human myoblasts. The authors fabricated 3D 

bundles by casting fibrin-Matrigel® hydrogels within PDMS molds inside a nylon 
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frame [201]. Then, active force measurements were performed in response to 

electrical and biological stimulation. Following the same biofabrication method, the 

authors generated skeletal muscle tissues derived from direct reprogramming of 

hiPSCs (Figure 1.21A) [202]. Overexpression of PAX7 was induced to obtain 

satellite cell-like cells (iPax7 cells). Remarkably, the human muscle 3D bundles were 

Figure 1.21. Human 3D bioengineered skeletal muscles. (A) Structure of hiPSC-derived muscle 

bundles anchored within a nylon frame. Scale bar: 5 mm. Representative longitudinal section of 2-

week differentiated bundles showing aligned, cross-striated myotubes. SAA= sarcomeric alpha-

actinin, BTX= α-bungarotoxin labeling acetylcholine receptors (AChR) and DAPI counterstains 

myotube nuclei. Scale bar: 25 μm. Adapted from Rao et al. [202]. (B) Stitched phase contrast image 

of a representative 3D skeletal muscle-motor neuron (MN) co-culture. Neuromuscular tissue is 

outlined with a red dashed line in the left panel. The region outlined in the green box is magnified 

in the image to the immediate right. Red dashed lines in the right panel outline motoneuron clusters. 

Scale bars: 2 mm (left panel) and 200 mm (right panel). Adapted from Bakooshli et al. [204]. (C) 

Schematic representation of coaxial printing. Immunofluorescent image of a 3D printed muscle 

construct. CD31= cluster of differentiation 31, marked endothelial cells, MHC= myosin heavy chain, 

and DAPI = stained nuclei. The images were taken from the center of the construct. Adapted from 

Choi et al. [206]. 
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cultured for up to 4 weeks, being the longest culture time reported to the date. The 

developed myotubes presented a correct membrane localization of dystrophin and 

generated active twitch and tetanic contractions. The mature tissues retained a pool 

of PAX7+ cells and MYOG+ myotubes, mimicking the satellite-cells presence in 

native muscle. Although all these models present different myotube maturation 

levels, it has been demonstrated that electrical stimulation training enhances 

myofiber hypertrophy and metabolic flux [203]. One week of an electrical stimulation 

training regime resulted in an increased myotube diameter by 40%, and the highest 

specific forces reported to date for an engineered human muscle (19.3 mN mm-2). 

Fibrin-GeltrexTM hydrogels were used to develop a more complex human skeletal 

muscle model by co-culturing primary human myoblasts with human stem cell-

derived motoneurons (Figure 1.21B) [204]. The resulting bioengineered human 

skeletal muscle tissues formed neuromuscular junctions (NMJs) in a long-lasting 

culture for up to 3 weeks. In the last years, 3D bioprinting has been applied to 

fabricate human skeletal muscle tissues [205,206]. A cell-laden fibrin bioink was 

bioprinted with gelatin as a sacrificial material to create organized multilayered 

muscle bundles [205]. The resulting myofibers were aligned and densely packed. 

dECM has also been used as a bioink for 3D printing human skeletal muscle bundles 

(Figure 1.21C) [206]. Porcine muscular tissue-derived dECM was used to print 

primary human myoblasts in granule-based reservoirs. Going a step further, the 

researchers used coaxial printing of porcine blood vessel-derived dECM with 

endothelial cells to allow the prevascularization of these muscle tissue.  

Engineered human skeletal muscles for drug screening platforms 

Engineered skeletal muscles have been recently tested as drug screening 

platforms. Human myoblasts encapsulated in fibrin hydrogels were integrated with a 

stereotactic setup that allows modeling intramuscular injection in vitro [207]. The 

release of injected drugs and their metabolites were monitored over time with 

spectrophotometry and luminescence. Even though these models are helpful for 

intramuscular drug injection studies, their relatively large size limits their potential as 

a drug screening platform. These bioartificial fibrin muscles require large numbers of 

cells, which can be costly and difficult to obtain. Existing microfabrication 

technologies have permitted these tissues’ miniaturization to obtain high-throughput 

systems [187,208–210]. For example, Mills et al. developed a 96-well micro-muscle 

platform using primary human myoblasts encapsulated in a collagen-Matrigel® 
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composite matrix around micropillars [208]. The authors affirmed that this 

microfabrication protocol reduced the size, reagents, and overall compared to the 

state-of-the-art skeletal muscle bioengineering approaches mentioned above 

[201,202]. Nevertheless, the reported specific forces and protein expression levels 

obtained after optogenetic stimulation with this miniaturized system are still 

equivalent to immature muscle in a fetal-like state. Thus, training and maturation of 

the micromuscles are needed to create a successful high-throughput screening 

platform.  

1.3.4. Modeling muscular dystrophies in vitro 

Muscular dystrophies are genetically heterogeneous diseases. Therefore, 

some muscular dystrophies affect each patient in different disease progression rates 

and severity of the symptoms. For this reason, effective treatments for patients 

depend on future personalized medicine. The development of in vitro bioengineered 

tissues from patient-derived cells is a great necessity for the research of personalized 

therapies. Currently, only a few works have been performed with patient-derived cells 

to create these personalized in vitro platforms. In a recent study, hiPSCs derived 

from patients with different types of muscular dystrophies (Duchenne (DMD), limb-

Figure 1.22. Human skeletal micromuscle 96-well platform. (A) Schematic representation of 

cell culture insert containing an elliptical seeding well with two elastomeric poles. Each well of a 96 

well-plate contains an insert. (B) Automatic tissue formation within the micro-muscle platform. 

Myoblasts are seeded into the elliptical well in combination with matrix and allowed to gel at 37 °C. 

Cells subsequently condense around the two elastomeric poles. (C) Immunostaining of desmin, 

titin, and nuclei after a 5-day treatment with DAPT (Notch pathway inhibitor), dabrafenib (kinase 

inhibitor) or in combination. Scale bars: 500 μm. Adapted from Mills et al. [208]. 
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gridle, and other congenital muscular dystrophies) were used to generate 3D 

engineered skeletal muscle tissues (Figure 1.23A) [211]. hiPSCs were encapsulated 

in fibrin hydrogels and cultured under tension to mechanically stimulate myogenic 

differentiation. Myotubes expressed myogenic maturation markers and displayed the 

pathogenic characteristics of these muscular dystrophies. Notably, the researchers 

examined whether the 3D nature of the engineered skeletal muscle tissues would 

facilitate the recognition of pathological hallmarks that are less evident in traditional 

2D cultures. Remarkably, the 3D reconstruction of engineered skeletal muscle 

models highlighted less prominent features in conventional monolayer cultures 

(Figure 1.23B). The results demonstrated that bioengineered skeletal muscle 

tissues from patient-derived cells are excellent tools to study the pathogenic 

pathways of muscular diseases and test potential treatments. However, these 

patient-derived skeletal muscle tissue platforms have not been used to test potential 

Figure 1.23. Modeling muscular dystrophies using tissue engineering. (A) 3D artificial skeletal 

muscle constructs derived from healthy and dystrophic hPSCs. Immunofluorescence for myosin 

heavy chain (MyHC) on muscle constructs derived from hESCs and dystrophic hiPSCs (DMD, 

LGMD2D, and skeletal muscle LMNA) differentiated in 3D for 10 days. Nuclei are counterstained 

with Hoechst. Arrowheads: multinucleated myotubes. Scale bars: top 250 μm, bottom 25 μm. (B) 

Confocal (z stacks merge) immunofluorescence for DESMIN (myotubes), LAMIN A/C, and 

EMERIN (nuclear lamina) on hiPSC-derived (healthy and LMNA mutant) artificial muscles. 

Hoechst: nuclei. Scale bars: 15 μm. Adapted from Maffioletti et al. [211]. 
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drugs for muscular dystrophies yet. In 2009, an automated drug screening platform 

using contractile muscle tissue engineered from dystrophic murine myoblasts was 

developed by Vandenburgh and colleagues [210]. Primary myoblasts isolated from 

the DMD mouse model (mdx mice) were encapsulated in a collagen-Matrigel® matrix 

and cast around two PDMS pillars to generate miniature bioartificial muscles 

(mBAMs). The dystrophic mBAMs were electrically stimulated to measure their force 

generation before and after the administration of potential anti-DMD drugs. Eleven 

of the 31 tested drugs increased the dystrophic mBAMs tetanic force, obtaining a 

similar response than DMD patients to many compounds. These results demonstrate 

the potential of this miniaturized platform as a preclinical model. Nonetheless, 

mouse-derived cells do not help consider the heterogeneity of muscular dystrophy 

patients. Therefore, incorporating engineered skeletal muscle tissue from patient-

derived cells in these automated drug screening platforms would represent a 

powerful tool for the preclinical research of these diseases.  
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The skeletal muscle tissue has structural, motility, and metabolic functions 

that are crucial for human health but can be affected by several neuromuscular or 

metabolic disorders. Research on fundamental skeletal muscle biology and drug 

screening for new therapies currently rely on performing studies on two-dimensional 

(2D) in vitro cell cultures and in vivo animal models. Nevertheless, these methods 

have significant limitations that affect their relevance to humans. For instance, 

conventional cell cultures cannot emulate the complex three-dimensional (3D) 

organization and function of the skeletal muscle tissue, and animal data is often 

inaccurately extrapolated to human conditions. Therefore, it is necessary to develop 

alternative strategies that can complement existing in vitro and in vivo methods in 

fundamental and preclinical research. 

The hypothesis of this thesis is that skeletal muscle precursor cells 

encapsulated in a suitable microfabricated biomaterial with the appropriate 

topographical and environmental cues would lead to the formation of functional 

skeletal muscle tissues that can be used for in vitro research. Moreover, employing 

human cells in skeletal muscle disease models would significantly improve current 

in vitro studies. Following this hypothesis, the main aim of this work is to develop in 

vitro 3D skeletal muscle tissues for the study of muscle metabolism and disease 

modeling. The specific objectives are the following: 

 

1. To fabricate and characterize composite hydrogels for the encapsulation 

of skeletal muscle precursor cells in long-lasting scaffolds. 

2. To generate functional 3D skeletal muscle tissues and monitor their 

metabolism using a microfluidic system that includes electrical stimulation 

and biosensors. 

3. To develop a 3D human skeletal muscle tissue model for myotonic 

dystrophy type 1 using patient-derived cells. 

4. To generate functional 3D human skeletal muscle tissues using xeno-free 

nanocomposite hydrogels. 

 

 

 



OBJECTIVES 

 

82 
 

 



 

83 
 

Chapter 3. MATERIALS AND METHODS 
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3.1. Cell culture 

3.1.1. Murine myoblasts cell culture 

Frozen vials containing murine C2C12 myoblasts (CRL1772™, ATCC®) were 

thawed by gentle agitation in a 37 ºC water bath. The vial content was transferred to 

a 15 mL conical tube containing 9 mL of growth medium warmed at 37 ºC. The 

C2C12 growth medium consisted of Dulbecco’s Modified Eagle Medium with 4.5 g 

L−1 glucose and L-glutamine (DMEM high glucose, Gibco, Thermo Fisher Scientific) 

supplemented with 10% v/v fetal bovine serum (FBS, Thermo Fisher Scientific) and 

1% v/v penicillin/streptomycin (P/S, 10000 U mL-1, Thermo Fisher Scientific). The cell 

suspension was centrifuged at 200 x g for 5 min, and the supernatant was discarded. 

The cell pellet was then resuspended in 1 mL of growth medium, and cells were 

counted using a Neubauer chamber (Thermo Fisher Scientific). Cells were plated in 

flasks treated for cell culture at a density of 5 x 103 cells cm-2 for cell expansion and 

placed in an incubator. In all cases, cells were grown at 37 °C in a humidified 

atmosphere containing 5% CO2. The growth medium was renewed every 2 to 3 days 

until ∼70% confluency was observed. It is crucial that the culture does not become 

confluent as this will deplete the myoblastic population in the culture.  

Once ∼70% confluency was reached, cells were detached from the culture 

flask. The culture medium was removed. The cell layer was then washed with warm 

1x Phosphate Buffered Saline (PBS, Thermo Fisher Scientific) and treated with 2 to 

3 mL of  0.25% w/v Trypsin 0.53 mM EDTA solution (Thermo Fisher Scientific) for 5 

min at 37 ºC. Then, 6 to 8 mL of growth medium were added to the flask, and the cell 

suspension was collected by pipetting. Finally, cells were counted with a Neubauer 

chamber, and the appropriate aliquots were passaged to new culture flasks for 

subculturing or used in the experiments. C2C12 cells were used up to passage 8. 

To induce C2C12 differentiation into myotubes, cultures were allowed to 

reach confluency, and the medium was changed to a differentiation medium. The 

C2C12 differentiation medium consisted of DMEM high glucose, supplemented with 

2% v/v horse serum (Thermo Fisher Scientific) and 1% v/v P/S. 
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3.1.2. Human immortalized fibroblasts cell culture 

Immortalized human fibroblasts from a DM1 patient (carrying 1300 CTG 

repeats quantified in the blood cells) and an unaffected donor (control) [212] were 

provided by Dr. Denis Furling and Dr. Vincent Mouly (Institute of Myology, Paris, 

France). Fibroblast cells were grown in DMEM high glucose supplemented with 1% 

v/v P/S and 15% v/v FBS. We followed the same procedure for cell detaching and 

subculturing as for C2C12 cells, except fibroblasts were plated at a density of 5.7 x 

103 cells cm-2. Also, an automated cell counter (Countess™ II, Applied Biosystems, 

Thermo Fisher Scientific) was used for all experiments. Human fibroblasts were used 

up to passage 12. Transdifferentiation into myoblast-like cells was induced by turning 

on the myogenic program, forcing MyoD expression when culturing cells in muscle 

differentiation medium (MDM). MDM consisted of DMEM high glucose supplemented 

with 1% v/v P/S, 2% v/v horse serum, 1% v/v apo-transferrin (10 mg mL−1, Sigma-

Aldrich), 0.1% v/v insulin (10 mg mL−1, Sigma-Aldrich), and 0.02% v/v doxycycline 

(10 mg mL−1, Sigma-Aldrich). For cell differentiation in 2D, fibroblasts were seeded 

at 1.2 x 104 cells cm-2 in 12-well plates containing glass coverslips coated with 50 µg 

mL-1 collagen type I (rat tail, Corning) and cultured in growth medium. Once the cells 

were confluent, the growth medium was replaced by MDM to induce the myogenic 

program. 

3.1.3. Human immortalized muscle satellite stem cells culture 

Human immortalized muscle satellite stem cells (HuMSCs) were provided by 

Dr. Bénédicte Chazaud from the Institute of Myology (Lyon, France). Primary muscle 

satellite stem cells were previously isolated from a healthy 14-year-old muscle biopsy 

and immortalized using CDK-4/hTERT expression. Cells expressing PAX7 were 

grown in Skeletal Muscle Basal Medium (PromoCell), containing skeletal muscle 

supplemental mix (#C-39365, PromoCell: Calf serum 0.05 mL mL-1, Fetuin (bovine) 

50 μg mL-1, Epidermal Growth Factor (recombinant human) 10 ng mL-1, Basic 

Fibroblast Growth Factor (recombinant human) 1 ng mL-1, Insulin (recombinant 

human) 10 μg mL-1, and Dexamethasone 0.4 μg mL-1), 1% v/v P/S, and 10% v/v 

FBS. The protocol for cell detaching and subculturing was slightly modified from the 

other cell lines. Since this growth medium is a low serum formulation (5% v/v), trypsin 

is not completely neutralized. Therefore, cells were immediately centrifuged after cell 
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detaching to remove trypsin. Cells were plated at a density of 5.7 x 103 cells cm-2 and 

used up to passage 30. 

The growth medium added after cell encapsulation did not contain FBS but 

was supplemented with 1 mg mL-1 of 6-amino-n-caproic acid (ACA, Sigma-Aldrich). 

The differentiation medium (HMDM) consisted of DMEM, high glucose, GlutaMAX™ 

(Gibco, Thermo Fisher Scientific), 1% v/v Penicillin-Streptomycin-Glutamine (P/S-G, 

100 X, Gibco, Thermo Fisher Scientific), and 1% v/v Insulin-Transferrin-Selenium-

Ethanolamine supplement (ITS-X, 100 X, Gibco, Thermo Fisher Scientific), and 1 mg 

mL-1 of ACA. 

3.2. Composite hydrogels as scaffolds for skeletal 
muscle tissue engineering 

3.2.1. Synthesis and characterization of prepolymer precursors 

Synthesis of gelatin methacryloyl 

Gelatin methacryloyl (GelMA) was synthesized following a previously 

described protocol [47,213]. Gelatin (Sigma-Aldrich) was dissolved at 10% w/v in 1X 

PBS at 60 ºC. Then, either 1.25% v/v or 5% v/v of methacrylic anhydride (Sigma-

Aldrich) was carefully added to the solution drop by drop at a constant rate of 500 µL 

min−1, under stirring conditions at 50 ºC. The reaction was stopped after 1 h by a 1:5 

dilution in warm PBS (40 ºC) and dialyzed against Milli-Q water with 6–8 kDa MWCO 

membranes (Spectra/por, Spectrumlabs). The water was changed every 4 h for 4 

days to remove methacrylic acid and salts. After dialysis, GelMA solution was 

distributed in 50 mL conical tubes and frozen at -80 ºC for 2 days. Then, GelMA was 

placed in a freeze dryer for 5 days before storage at −20 °C until further use.  

Synthesis of carboxymethyl cellulose methacrylate 

Sodium carboxymethylcellulose (CMC, Sigma-Aldrich) was methacrylated at 

the maximum degree of methacrylation based on the work by Jeon et al. [214]. First, 

an activating buffer consisting of 50 mM MES hydrate (Sigma) and 0.5 M NaCl 

(PanReac) in Milli-Q water was prepared, and the pH was adjusted to 6.5. Then, 

CMC was dissolved (1% w/v) in the activating buffer at 60 ºC under stirring 

conditions. The methacrylation reaction was performed by mixing the CMC solution 

with 1-Ethyl-3-(3-dimethylaminopropyl)carbodiimide (EDC, 20 Mm, Sigma-Aldrich), 
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N-hydroxysuccinimide (NHS, 10 mM, Sigma-Aldrich), and 2-aminoethyl methacrylate 

(10 mM, Sigma-Aldrich). The reaction was stopped after 24 h with excess acetone 

(Panreac) and filtered using a vacuum flask. The precipitate was dried in an oven at 

50 ºC and subsequently dissolved in Milli-Q water (1% w/v). The solution was 

dialyzed against Milli-Q water using 3.5 kDa MWCO membranes (Thermo Fisher 

Scientific). Finally, the solution of carboxymethyl cellulose methacrylate (CMCMA) 

was frozen at -80 ºC for 2 days and lyophilized for 5 days before storage at −20 °C. 

Colorimetric TNBSA assay 

2,4,6-Trinitrobenzene Sulfonic Acid (TNBSA, Thermo Fisher Scientific) is a 

rapid and sensitive assay reagent for the determination of free amino groups [215]. 

This assay was performed to determine the methacrylation degree of GelMA 

resulting from the reaction of gelatin and 1.25% or 5% v/v of methacrylic anhydride 

during its synthesis. Primary amines form a highly chromogenic derivative upon 

reaction with TNBSA, which can be measured at a wavelength of 335 nm. Therefore, 

the amount of lysine groups modified from gelatin can be determined [213]. Gelatin 

and GelMA were dissolved in the reaction buffer (0.1 M sodium bicarbonate, pH 8.5) 

in a concentration range from 31.25 µg mL-1 to 2000 µg mL-1 and placed in a 96 well-

plate (100 µL per well). Five different concentrations were used, and three samples 

per condition were prepared. Then, 50 µL of a TNBSA 0.01% w/v solution in reaction 

buffer were added to each well. The reaction was left for 2 h at room temperature 

and under agitation to ensure all the amino groups react with the TNBSA. The 

reaction was stopped by adding 25 µL of HCl 1M to each well. Finally, the plate was 

read using a spectrophotometer to get the absorbance of each concentration at 335 

nm. 

To calculate the degree of methacrylation, we used the following formula: 

% 𝑜𝑓 𝑚𝑒𝑡ℎ𝑎𝑐𝑟𝑦𝑙𝑎𝑡𝑒𝑑 𝑎𝑚𝑖𝑛𝑒𝑠 =  
𝐴𝑏𝑠𝑔𝑒𝑙 − 𝐴𝑏𝑠𝐺𝑒𝑙𝑀𝐴

𝐴𝑏𝑠𝐺𝑒𝑙𝑀𝐴

 ∙ 100 

Where Absgel and AbsGelMA represent the absorbance of gelatin or GelMA at 

a specific concentration. 
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Nuclear magnetic resonance (NMR) 

For 1H-NMR, CMC, and CMCMA were dissolved in D2O and analyzed on a 

Varian Inova 500 MHz spectrometer (Varian). All samples were measured with a 

relaxation delay of 1 s for 64 scans. 

3.2.2. Preparation of prepolymer solutions 

The polymer precursors were mixed in different concentrations and dissolved 

in 1X PBS containing the photoinitiator. The final concentrations of photoinitiator, 

either 2-Hydroxy-4′-(2-hydroxyethoxy)- 2-methylpropiophenone (Irgacure, I2959, 

Sigma-Aldrich) or lithium phenyl (2,4,6-trimethylbenzoyl)phosphinate (LAP, TCI 

EUROPE N.V.), were fixed at 0.4% or 0.1% w/v. The prepolymers were covered from 

light and placed in a water bath at 65 °C for 1 h to obtain homogeneous solutions. 

The solutions were prepared to obtain final concentrations of 5% or 1% w/v GelMA 

and 1% w/v CMCMA, alginate methacrylate (AlgMA)1, or polyethylene glycol 

diacrylate (PEGDA, 4000 Da, Sigma-Aldrich).  

3.2.3. Physical characterization of composite hydrogels 

Swelling analysis 

The prepolymer solutions were prepared as described in Chapter 3.2.2. 

Hydrogels for swelling analysis were fabricated by placing the prepolymer solution in 

a 48-well plate (300 μL per well). After UV light exposure, hydrogels were carefully 

removed from the well-plate, rinsed with 1X PBS, and their initial weight was 

measured. The wet weight was then assessed after 1, 3, and 7 days in PBS, following 

a quick wipe with tissue paper to remove excess water. The mass increase was 

calculated by normalizing each wet weight value with the initial weight of the sample. 

After 7 days, samples were rinsed with Milli-Q water and dried. The swelling ratio, Q, 

of the hydrogels was determined by: 

𝑄 =  
𝑊𝑠 −  𝑊𝑑

𝑊𝑑

 ∙ 100 

 

1 AlgMA was synthesized and characterized by Andrea García-Lizarríbar in collaboration with the 
Nanobioengineering Research Group at the institute for Bioengineering of Catalonia (IBEC). 
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Here, Wd and Ws represent the weight of dried hydrogels and the weight after 

swelling in PBS, respectively. 

All hydrogels in this work were fabricated using the UV light source of a 3D 

bioprinter (3D Discovery BioSafety, regenHU; 365 nm, 3 W cm−2) or a UV Crosslinker 

(UVP Crosslinker, model CL-1000L, Analytik Jena; 365 nm, 40 W).  

Degradation analysis 

Hydrogels were fabricated as described above for the swelling analysis. 

Subsequently, the samples were transferred from the 48 well-plate to 6 well-plates 

and left in 1X PBS. After 3 days, each sample was weighed and immersed in 3 mL 

of a collagenase type II (Thermo Fisher Scientific) solution in PBS. The collagenase 

type II concentration was 1.5 U mL-1 for hydrogels fabricated using the 3D Bioprinter’s 

UV light source and 0.5 U mL-1 for those fabricated with the UVP crosslinker. 

Hydrogels were incubated at 37 °C, under shaking conditions (100 rpm). Then, the 

samples were weighed after 1, 2, 3, 4, and 6 h. The remaining hydrogel mass 

percentage (%Wr) was determined by:   

%𝑊𝑟 =  
𝑊𝑡

𝑊𝑖

 

Here, Wi and Wt represent the weight of the samples at the swelling 

equilibrium and after collagenase incubation, respectively. 

Mechanical analysis 

Uniaxial compression tests of all hydrogel formulations were performed using 

a Zwick Z0.5 TN instrument (Zwick-Roell) with a 5 N load cell. Hydrogels were 

fabricated following the same protocol as for the swelling analysis. After reaching 

equilibrium swelling in PBS, cylindrical samples were cut using a 10 mm diameter 

biopsy punch. The accurate hydrogel diameters and heights were measured before 

the experiment. Wet hydrogel samples were tested at room temperature up to 30% 

final strain (deformation), using the following parameters: 0.1 mN preload force and 

20% min−1 strain rate. Stress-strain data were obtained from the acquired force–

deformation graphs. The compressive modulus values were automatically calculated 

from the slope of the linear region corresponding to 10-20% deformation (strain) with 

the TestXpert software (Zwick-Roell).  
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To obtain Young’s modulus of the micropatterned GelMA-CMCMA hydrogels 

in liquid conditions, samples were photomolded as described later in Chapter 3.4. 

After 24 h of incubation at 37 ºC, the stiffness was measured by atomic force 

microscopy (AFM) following a previously described protocol [216,217]. Briefly, 

indentation measurements were conducted using a NanoWizard® 4 Bioscience AFM 

(JPK Instruments) mounted onto a Nikon Ti inverted microscope. Silicon nitride 

pyramidal tips (NanoWorld) with nominal spring constants of 0.08 Nm-1 were used. 

Series of 10 indentations at a frequency of 0.05 Hz (10 µm amplitude) were 

performed in different positions of the GelMA-CMCMA micropatterns. Finally, the 

Hertz model for a pyramidal tip was fitted to the measured force-distance curves 

using the JPK data analysis software2.  

Scanning electron microscopy imaging and pore size analysis 

Hydrogels for scanning electron microscopy (SEM) imaging were fabricated 

following the same protocol for swelling and compression measurements. After 24 h 

of incubation, the hydrogels were washed with Milli-Q water and fixed for 1 h in a 

2.5% glutaraldehyde solution (Sigma-Aldrich). Following several washes, samples 

were dehydrated by sequential immersion in graded ethanol solutions in Milli-Q 

water. Washings of 10 min were performed with 50%, 70% (x2), 90% (x3), 96% (x3) 

and 99.5% (x3) ethanol. To dry the hydrogels without causing their collapse, samples 

were placed in a critical point drying chamber (K850, Quorum Technologies). Ethanol 

was completely replaced by liquid CO2 and gradually heated until CO2 achieved gas 

phase equilibrium and was slowly drained. After critical point drying, samples were 

covered with Au and imaged by ultrahigh-resolution scanning electron microscopy 

(Nova NanoSEM 230, FEI Company) operating in a low vacuum mode (0.5 mbar of 

water vapor pressure). SEM images of the hydrogels fabricated using the 3D 

Bioprinter’s UV light source were used to quantify the pore size distribution3 using 

the Fiji image processing package, a distribution of Image J [218]. 

 
2 AFM measurements and data analysis were performed by Dr. Jordi Comelles, in collaboration with 

the Biomimetic Systems for Cell Engineering Research Group at IBEC. 

3 Pore size distribution analysis was performed by Andrea García-Lizarríbar, in collaboration with the 
Nanobioengineering Research Group at IBEC. 
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3.3. C2C12 cell culture in composite hydrogels for 3D 
bioprinting of skeletal muscle tissue 

3.3.1. Preparation of cell-laden prepolymer solutions 

All prepolymer solutions for cell encapsulation were prepared in sterile 

conditions and mixed in a 1:1 ratio with a cell suspension in growth medium. First, 

the prepolymers (GelMA, CMCMA, AlgMA, and PEGDA) were weighed in the desired 

concentrations, sterilized by 15 min of UV exposure inside the biosafety cabinet 

(Telstar Bio II Advance), and placed inside sterile Eppendorf tubes. The 

photoinitiators (either I2959 or LAP) were dissolved in sterile 1X PBS (37 ºC) and 

filtered using a 0.22 µm filter. The appropriate volume of this solution was added to 

the prepolymers. The tubes were covered from light and placed in a water bath at 65 

ºC for 2 h or until the solution became homogeneous. After this time, the prepolymer 

solutions were transferred to the 37 ºC water bath before cell encapsulation. 

C2C12 cells were detached from culture flasks following the protocol from 

Chapter 3.1.1. Cells were counted using a Neubauer chamber and centrifuged for 5 

min at 200 x g. Then, cells were resuspended in the appropriate volume of growth 

medium and carefully mixed with the prepolymer solution for cell encapsulation. 

3.3.2. Cell metabolic activity under different GelMA hydrogel 
fabrication conditions 

A multifactorial screening was performed to evaluate the effect of GelMA 

concentration (1% or 5% w/v), type of photoinitiator (I2959 or LAP), photoinitiator 

concentration (0.1% or 0.4% w/v), and UV exposure (3 W cm-2 for 5 s or 25 s) on cell 

metabolic activity. Cell-laden prepolymer solutions (106 C2C12 cells mL−1) were 

placed in a 96 well-plate (20 µL per well). After UV exposure using the 3D Bioprinter’s 

UV light source, samples were rinsed with growth medium to remove unreacted 

reagents and cultured for 24 h. Then, cell-laden hydrogels were incubated with an 

alamarBlue (Invitrogen, Thermo Fisher Scientific) solution of 10% v/v in growth 

medium for 3 h at 37 °C, following the manufacturer’s protocol. Finally, the 

absorbance was read at 570 nm (λ1) and 600 nm (λ2). The percentage of reduction 

of alamarBlue, an indicator of cell metabolic activity, was determined by the following 

equation: 
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% 𝑅𝑒𝑑𝑢𝑐𝑡𝑖𝑜𝑛 =  
(𝜀𝑂𝑋)𝜆2 ∙  𝐴𝜆1 − (𝜀𝑂𝑋)𝜆1 ∙  𝐴𝜆2

(𝜀𝑅𝐸𝐷)𝜆1 ∙ 𝐴′
2 − (𝜀𝑅𝐸𝐷)𝜆2 ∙ 𝐴′𝜆1

 ∙ 100 

Here, εOX and εRED represent the molar extinction coefficient of alamarBlue 

oxidized and reduced form, respectively. A represents the absorbance of the test 

wells, and A’ represents the absorbance of the negative control well.  

3.3.3. Cell viability and proliferation in 3D composite hydrogels 

The prepolymer concentrations for the following experiments were defined 

according to the physical characterization results and the cell metabolic activity 

assay. These final prepolymer solution concentrations were: 5% w/v GelMA with 

0.1% w/v of LAP photoinitiator, and with or without 1% w/v CMCMA, AlgMA or 

PEGDA. Cell-laden prepolymer solutions (107 cells mL-1) were placed in cylindrical 

molds of 6 mm inner diameter and 750 µm height. The samples were 

photocrosslinked by a 5 s exposure to UV light at 3 W cm−2 (3D Bioprinter’s UV light 

source). This procedure was followed by immersion of the cell-laden hydrogels in 

growth media to remove the unreacted reagents. Finally, samples were placed in an 

incubator at 37 ºC and 5% CO2 atmosphere. 

Cell viability assay 

C2C12 cells were encapsulated in each hydrogel as described above. The 

viability was assessed after 1 and 7 days using the Live/DeadTM Viability/Cytotoxicity 

assay kit (Thermo Fisher Scientific) and Hoescht (Thermo Fisher Scientific) to stain 

the nuclei. This assay determines live and dead cells simultaneously with two probes 

that measure recognized cell viability parameters: intracellular esterase activity and 

plasma membrane integrity. In live cells, esterases convert non-fluorescent calcein 

acetoxymethyl (calcein AM) to calcein, which produces intense green fluorescence. 

On the other hand, ethidium homodimer (EthD-1) dye is excluded by live cells. 

However, EthD-1 can enter cells with a damaged plasma membrane. Its 

fluorescence is enhanced 40-fold when it binds to nucleic acids, labeling dead cells 

with bright red fluorescence [219]. Cell-laden hydrogels were washed with warm, 

sterile PBS to remove FBS esterase activity. Then, we prepared a working solution 

of 0.5 µL mL-1 calcein AM, 2 µL mL-1 EthD-1, and 1 µL mL-1 Hoescht (Thermo Fisher 

Scientific) in PBS. Samples were covered from light and incubated for 20 min, at 37 

ºC, under shaking conditions. Finally, cell-laden hydrogels were washed with PBS. 
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Fluorescence images were captured using confocal microscopy (TCS SPE, Leica) 

and processed by MATLAB software4 (Supporting Information in Appendix A). The 

cell viability percentage was calculated as the fraction of living cells with respect to 

the total cell number. 

Cell proliferation in 3D composite hydrogels 

Cell proliferation within the different composite hydrogels was studied after 

one week of encapsulation. The growth medium was removed, and cell-laden 

hydrogels were washed with PBS. Cells were fixed in a 10% formalin solution 

(Sigma-Aldrich) for 30 min. The samples were then washed with PBS, and cells were 

permeabilized with 0.1% v/v Triton X-100 (Sigma-Aldrich) in PBS for 15 min. The 

hydrogels were incubated in 100 nM Rhodamine-Phalloidin 480 (Cytoskeleton) 

overnight to stain filamentous actin (F-actin). After washing with PBS, nuclei were 

stained with 300 nM 4′,6-diamidino-2-phenylindole (DAPI, Thermo Fisher Scientific) 

for 15 min. Finally, the cell-laden hydrogels were mounted and observed by confocal 

microscopy. 

3.3.4. 3D Bioprinting of cell-laden composite hydrogels and 
differentiation into myotubes 

The 3D bioprinting design was made using the BioCAD v1.0 software 

(regenHU) as an array of 20 parallel filaments inside a 16 mm diameter circle. The 

array was designed to consist of two layers of cell-laden hydrogel inside each well of 

a 6 well-plate.  Computer-Aided Design (CAD) files were opened in the 3D 

DISCOVERY HMI software (regenHU) to use with the bioprinter (3D Discovery 

BioSafety). Cell-laden prepolymer solutions were prepared as described in Chapter 

3.3.3. The solutions were then introduced in a 3-cc printing syringe (Nordson 

Corporation) and placed in the bioprinter’s direct dispensing head. 3D printing was 

performed with a cooling chamber at 10 °C through a 200 µm inner diameter nozzle. 

The printing rate was fixed at 7 mm s-1, and the printing pressure varied depending 

on the loaded prepolymer solution. We used 2.5, 2.5, 3, and 5 bar for GelMA, GelMA- 

CMCMA, GelMA-AlgMA, and GelMA-PEGDA, respectively5. After the two layers 

 
4 MATLAB code for cell viability was written by Ferran Velasco from the Biosensors for 
Bioengineering Research Group at IBEC. 

5 3D bioprinting was performed in collaboration with Andrea García-Lizarríbar from the 
Nanobioengineering Research Group at IBEC.. 
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were extruded, each well was exposed to 5 s of UV light for hydrogel 

photocrosslinking. Growth medium was added and replaced every two days. On day 

5, the culture medium was switched to differentiation medium. The samples were 

fixed after 11 days following the procedure from Chapter 3.3.3. After 

permeabilization, the samples were treated with a blocking-permeabilization solution 

consisting of 0.2% v/v Triton X-100 and 1% w/v bovine serum albumin (BSA, Sigma-

Aldrich) in PBS for 1 h. In addition to F-actin and nuclei staining, immunofluorescent 

staining of myosin heavy chain-4 (MYH4) was performed by incubating the samples 

in an MF20 Alexa Fluor 488 solution (1:100, eBioscience, Thermo Fisher Scientific) 

overnight. 

3.3.5. Myotube alignment and fusion index analysis 

Z-stack images obtained by confocal microscopy were processed using 

ImageJ software. Myosin heavy chain 4 (MYH4) staining was used to analyze the 

fusion index and myotube alignment. Myotube alignment was assessed by 

measuring the angle formed between the myotubes and the longitudinal axis of the 

printed pattern. The fusion index was calculated by dividing the number of nuclei 

within the myotubes by the total number of counted nuclei, and this was expressed 

as a percentage. Three samples for each condition were used, and more than 100 

myotubes were analyzed for each sample. 

3.3.6. Statistical analysis 

All data collected were presented as the mean ± standard deviation (SD) 

using GraphPad Prism software (GraphPad). ANOVA and t-tests were performed in 

StatGraphics Centurion software (StatGraphics) to compare treatments. A p-value of 

0.05 or less was considered statistically significant. 

3.4. Skeletal muscle tissue formation in photomold 
patterned hydrogels  

As an alternative to bioprinting, a photomold patterning technique was used 

to encapsulate cells in micropatterned hydrogels [220]. This technique allowed the 

fabrication of skeletal muscle microtissues on any surface that could be placed inside 

the UVP Crosslinker. In this thesis, the hydrogel micropatterning was performed 

either on the muscle-on-a-chip microdevice’s well or functionalized glass coverslips. 
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3.4.1. Fabrication of microstructured PDMS stamps 

Microstructured PDMS (poly(dimethylsiloxane), Sylgard™ Elastomer base, 

and curing agent, Dow) stamps were fabricated by replica molding of silicon wafer 

molds. 

Microfabrication of silicon molds 

Silicon wafer molds were fabricated by standard photolithography techniques 

using SU-8 negative photoresist. First, silicon wafers (4” n-type <111>, 

MicroChemicals GmbH) were cleaned in a plasma chamber for 20 min at 6.8 W. 

Then, the wafers were heated for 5 min in a hotplate at 95 ºC to dehydrate them. 

Negative resist SU-8 2100 (2100, MicroChem) was spin-coated in 2 steps to obtain 

structures of 100 μm or 200 μm in height. To make the patterns, a mask aligner 

(SÜSS Microtec, MJB4) was set to 240 mJ cm-2 energy radiation at 365 nm. A high-

quality emulsion flexible film was used as a photomask (JD Photodata). Irradiation 

time was set to 20 s. The negative-tone exposed regions of SU-8 were crosslinked 

by a hotplate cycle of 65 ºC and 95 ºC for 5 and 20 min, respectively. The labile 

photoresist was removed by developing the crosslinked patterns immersing the 

wafer in SU-8 developer (MicroChem) for 10 min. Then, the development was 

stopped by 2-propanol. After a quick N2 blow, we heated the molds for 60 min at 120 

ºC. Finally, the SU-8 patterned silicon molds had to undergo silanization to obtain 

hydrophobic surfaces and avoid permanent bonding with the PDMS. 

Replica molding of microstructured PDMS stamps 

The polymer elastomer base and curing agent were weighted in a 10:1 ratio. 

After mixing thoroughly, we degassed the polymer in a vacuum chamber. PDMS was 

poured on the patterned silicon substrate and cured at 80 ºC for 4 h. Finally, PDMS 

was detached and cut off using a biopsy punch. We obtained microstructured PDMS 

stamps of 6 mm in diameter, with channels of 100 μm or 200 μm of width. Finally, 

PDMS stamps were cleaned by sonication in Milli-Q water and 2-propanol for 5 min 

and dried using N2 flow before using them for tissue fabrication. 

3.4.2. C2C12 encapsulation in micropatterned hydrogels 

Gelatin methacryloyl (GelMA) and carboxymethyl cellulose methacrylate 

(CMCMA) were synthesized as previously described (Chapter 3.2.1). These 
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prepolymer precursors and the LAP photoinitiator were dissolved in C2C12 growth 

medium at 65 ºC for 2 h in sterile conditions. GelMA, CMCMA and LAP 

concentrations were fixed to obtain final concentrations of 5%, 1%, and 0.1% w/v, 

respectively. The prepolymer solution was then mixed with a C2C12 cell suspension 

to obtain a final cell density of 2.5 x 107 cells mL-1. A drop of cell-laden GelMA-

CMCMA prepolymer (20 μL) was placed on the surface of interest (muscle-on-a-chip 

microdevice with ITO electrodes, Chapter 4.2). Then, a microstructured PDMS 

stamp of 6 mm in diameter (channels of 200 μm width and spacing and 270 μm in 

height) was pressed lightly on top, filling the microchannels with the solution. The 

hydrogel was photocrosslinked using a UVP Crosslinker (model CL-1000L, 365 nm, 

40 W, from Analytik Jena) with exposure times between 18 s and 120 s. The energy 

dose for every time point was measured using a wireless power meter (model PM160 

Si Sensor Power Meter, 400–1100 nm, 10 nW–200 mW, Thorlabs). Finally, the 

PDMS stamp was carefully removed, and the 3D micropatterned cell-laden 

hydrogels remained on the surface. Growth medium was added and renewed every 

2 days. After 6 days, the culture medium was switched to differentiation medium to 

promote the formation of myotubes. 

3.4.3. Cell viability and morphology in micropatterned hydrogels 

C2C12 cells were encapsulated in GelMA-CMCMA hydrogels at a low cell 

density (106 cells mL-1) to analyze cell viability and morphology after encapsulation 

with different UV exposure times. Following the procedure from Chapter 3.3.3, cell 

viability was evaluated on days 1, 6, and 10 using the Live/Dead Viability/Cytotoxicity 

assay kit. Samples were observed with a ZEISS LSM800 confocal laser scanning 

microscope, and images were captured as Z-stacks. Z-stacks were then processed 

using a custom MATLAB code. Finally, cell viability percentage was calculated as 

the fraction of living cells over the total cell number. To assess cell morphology, light 

microscopy was performed using a Zeiss Axio Observer.Z1/7, and images were 

obtained 6 days after encapsulation. Finally, bright-field images were analyzed using 

the ImageJ software to obtain cell descriptor data of the aspect ratio and circularity 

of encapsulated cells. 
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3.4.4. Immunofluorescence staining 

The microtissues were fixed in a 10% formalin solution (Sigma-Aldrich) 15 

days after fabrication. The hydrogels were washed with Tris-buffered saline (TBS, 

Canvax Biotech). Cells were permeabilized with 0.1% v/v Triton X-100 (Sigma-

Aldrich) in TBS for 15 min and blocked with a blocking buffer consisting of 0.3% v/v 

Triton X-100 and 3% v/v donkey serum (Sigma-Aldrich) in TBS for 2 h. Then, tissues 

were washed with TBS and incubated in a 100 nM rhodamine-phalloidin 480 

(Cytoskeleton) solution overnight to stain F-actin. Myosin heavy chain 4 (MYH4) was 

stained by incubating in a solution of MF20 Alexa Fluor 488 (1:100, eBioscience, 

Thermo Fisher Scientific)  in blocking buffer. After washing with TBS, nuclei were 

counterstained with DAPI (1 μM, Thermo Fisher Scientific) for 15 min. Hydrogels 

were mounted and stored at 4 °C before observation by confocal microscopy. 

3.5. Fabrication of myotonic dystrophy type 1 (DM1) 
human skeletal muscle microtissues 

Human cell-laden 3D microstructured hydrogels were fabricated on top of 

glass coverslips using a photomold patterning technique, as described in Chapter 

3.4. 

3.5.1. Glass coverslip functionalization 

Glass coverslips were treated with 3-(trimethoxysilyl)propyl methacrylate 

(TMSPMA, Aldrich) (Figure 1 (a)) and coated with a layer of polyethylene glycol 

diacrylate (PEGDA, MW 4000 Da, Sigma-Aldrich) (Figure 4.15C) by free radical 

polymerization. First, clean glass coverslips were activated by oxygen plasma at 29.6 

W for 30 s. Immediately after plasma treatment, the glass surface was covered with 

a freshly prepared silanization solution (TMSPMA diluted in ethanol at 1:50 and 

mixed with 3% v/v acetic acid) for 1 h. Then, coverslips were thoroughly washed with 

ethanol and dried (Figure 4.15B).  

For PEGDA coating, we prepared a solution of 20% w/v PEGDA and 2% w/v 

LAP in Milli-Q water by dissolving in a water bath at 60 ºC for 30 min. For each 

coverslip, a 5 μL drop was placed on a Teflon surface. Then, the silanized side of the 

coverslip was carefully pressed on top. Finally, samples were exposed to UV for 2 
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min using a UVP Crosslinker (365 nm, 40 W, Analytik Jena), washed several times 

with Milli-Q water, and thoroughly dried (Figure 4.15D). 

3.5.2. Human fibroblasts encapsulation 

To encapsulate cells in micropatterned hydrogels, we mixed the prepolymer 

solution with a cell suspension of either control or DM1 cells in MDM to obtain a final 

concentration of 2.5 x 107 cells mL-1. Then, an 8 μL drop of the cell-laden prepolymer 

was placed on a PEGDA-coated glass coverslip, and a PDMS stamp (100 µm 

channels) (Figure 4.15H) was pressed lightly on top, filling the microchannels with 

the solution. The hydrogels were crosslinked by UV exposure of 30 s using the UVP 

Crosslinker. MDM was added to each sample, and stamps were carefully removed 

after 20 min of incubation at 37 °C (Figure 4.15F, I). Encapsulated cells were 

differentiated for up to 21 days, with culture media being replaced every two days. 

3.5.3. Cell viability assay 

Cell viability was evaluated 24 h after encapsulation using the Live/Dead 

viability/cytotoxicity kit (Invitrogen) following the protocol from Chapter 3.3.3. Briefly, 

samples were washed several times with sterile 1x PBS and incubated for 30 min 

with a staining solution containing Calcein AM, Ethidium homodimer-1, and Hoescht 

(Invitrogen) in PBS. Cell viability was calculated as the percentage of living cells with 

respect to the total cell number analyzed in the 3D reconstruction of confocal Z-

stacks using Imaris software (Oxford Instruments). 

3.5.4. Antisense oligonucleotide treatment 

AntagomiR oligonucleotides (Creative Biogene) were administrated 72 h after 

DM1 microtissue fabrication. MDM was replaced and supplemented with 100 nM of 

AntagomiRs for miR-sc (control) or miR-23b-3p. The treatment lasted for 7 days 

without replacing the culture media. The antagomiR sequences were: 5′‐

mG*mG*mUmAmAmUmCmCmCmUmGmGmCmAmAmUmGmU*mG*mA*mU*‐3′-

chol (antagomiR-23b-3p), and 5′‐

mC*mA*mGmUmAmCmUmUmUmUmGmUmGmUmA*mC*mA*mA*‐3′-chol (sc 

control). Where m denotes 2′-O-methyl-modified phosphoramidites, * denotes 

phosphorothioate linkages, and chol denotes cholesterol groups. 
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3.5.5. Fluorescence in situ hybridization 

Bioengineered 3D skeletal muscle tissues were fixed in 4% paraformaldehyde 

for 30 min at room temperature and washed with 1X PBS for 10 min. Samples were 

incubated in the prehybridization buffer (2X saline sodium citrate [SSC], 30% 

deionized formamide) for 30 min at room temperature and hybridized with a Cy3-

(CAG)7-Cy3-labeled probe, diluted 1:200 in hybridization buffer (40% deionized 

formamide, 2X SSC, 10% dextran sulfate, 0.2% BSA, 2 mM Ribonucleoside Vanadyl 

Complex (Sigma-Aldrich), 1 mg mL-1 Escherichia coli tRNA, 1% herring sperm DNA) 

overnight at 37ºC in the dark. After hybridization, samples were washed twice with a 

prehybridization buffer for 30 min at 42 ºC, washed with 1X PBS, and incubated with 

DAPI for 15 min. All the incubations were performed in a humidity chamber. 

3.5.6. Immunofluorescence staining 

After fixation, permeabilization, and blocking of cell-laden hydrogels following 

the procedure from Chapter 3.4.4, the samples were incubated with anti-SAA and 

anti-MYH7 primary antibodies (Table 3.1) at 4 °C overnight. After several PBS 

washes, the samples were incubated for 2 h with the fluorophore-conjugated 

secondary antibodies (Table 1) at RT. Finally, the samples were counterstained with 

1 μM DAPI to detect the nuclei. 

For MBNL1 detection, after FISH protocol, samples were incubated with the 

monoclonal anti-MBNL1 primary antibody at 4 ºC. The fluorescence signal was 

amplified using a biotin-conjugated secondary antibody (Table 3.1) and the 

VECTASTAIN® Elite® ABC kit (Vector) for 1 h at RT, followed by PBS washes and 

incubation with either Dylight®488-FITC (1:200, Vector) for 2 h at RT. Finally, the 

samples were counterstained with DAPI to detect the nuclei. 

Table 3.1. Antibodies 

Antibody Target Supplier Technique 

Monoclonal Myosin 4, MF20, 
Alexa Fluor 488-conjugated 
primary antibody 

Myosin heavy 
chain 4 

eBioscience, Thermo 
Fisher Scientific 

If (1:100) 

Monoclonal mouse anti-SAA 
primary antibody 

Sarcomeric α-
actinin 

Sigma-Aldrich If (1:200) 



MATERIALS AND METHODS 

101 
 

Polyclonal rabbit anti-MYH7 
primary antibody 

Myosin heavy 
chain 7 

Invitrogen If (1:200) 

Polyclonal donkey anti-mouse 
IgG, Alexa Fluor 488-conjugated 
secondary antibody 

Mouse IgG Invitrogen If (1:200) 

Polyclonal goat anti-rabbit IgG, 
Alexa Fluor 568-conjugated 
secondary antibody 

Rabbit IgG Invitrogen If (1:200) 

Mouse anti-MBNL1, clone MB1a 
(4A8), primary antibody 

Muscleblind-like 
protein 1 

Developmental Studies 
Hybridoma Bank 

If (1:100) 
Wb (1:200) 

Mouse anti-MBNL2, clone MB2a 
(3B4), primary antibody 

Muscleblind-like 
protein 2 

Developmental Studies 
Hybridoma Bank 

Wb (1:100) 

Monoclonal mouse anti-GAPDH 
binding protein-HRP, clone G-9, 
primary antibody 

GAPDH Santa Cruz 
Biotechnology 

Wb 
(1:3500) 

Anti-mouse IgG, HRP-
conjugated secondary antibody 

Mouse IgG Sigma-Aldrich Wb 
(1:5000) 

Horse anti-mouse-IgG, Biotin-
conjugated secondary antibody 

Mouse IgG Vector If (1:200) 

If = immunofluorescence; Wb= western blot 

3.5.7. Fusion index and myotube size analysis 

Z-stacks were analyzed as 3D images using the Imaris software. Fusion index 

was determined as the percentage of nuclei in myotubes (≥2 myonuclei) with respect 

to the total number of nuclei in myotubes expressing sarcomeric α-actinin (SAA). The 

diameter of individual 3D myotubes was obtained by the object-oriented bounding 

box statistical variable (BoundingBoxOO Length A), which measures the length of 

the object’s shortest principal axis. 

3.5.8. RNA extraction, RT-PCR, and real-time PCR 

Total RNA from human bioengineered muscles was isolated using Tri-reagent 

(Sigma) according to the manufacturer’s instructions. One microgram of RNA was 

digested with DNase I (Invitrogen) and reverse-transcribed with SuperScriptTM II 

(Invitrogen) using random hexanucleotides. qRT-PCR was carried out on one 

nanogram of cDNA template with the FIREPol® EvaGreen® qPCR Mix Plus (Solis 
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Biodyne) and specific primers (Table 2). GAPDH and ACTB were used as 

endogenous controls. miRNA expression was quantified using specific miRCURY 

LNA microRNA PCR primers (Qiagen) according to the manufacturer’s instructions. 

Relative gene expression was normalized to the miR-103 expression [221]. 

Expression levels were measured using the QuantStudio 5 Applied Biosystems Real-

Time PCR System. Expression relative to the endogenous genes and control group 

was calculated using the 2−ΔΔCt method. Pairs of samples were compared using two-

tailed Student t-tests (α=0.05), applying Welch’s correction when necessary. For 

splicing analyses, 20 ng of cDNA were used in a standard PCR reaction with GoTaq 

polymerase (Promega). Specific primers were used to analyze alternative splicing of 

BIN1, NFIX, and SPTAN1 (Table 3.2). 

Table 3.2. Sequences of oligonucleotides used for real-time RT-PCR 

Gene Primer 

GAPDH GTCTCCTCTGACTTCAACAGCG 

ACCACCCTGTTGCTGTGCCAA 

MBNL1 CTGCATCTGTCTATGCCAAACT 

GGGAATCTCCTCACAGCTGAAT 

MBNL2 CCACCACGCCTGTTATTGTT 

CAGTCCTGAGAAGTTTCTGAGTTG 

BIN1 CTCAACCAGAACCTCAATGATGTG 

CTGAGATGGGGACTTGGGGAG 

NFIX GAGCCCTGTTGATGACGTGTTCTA 

CTGCACAAACTCCTTCAGTGAGTC 

SPTAN1 GATTGGTGGAAAGTGGAAGTGAACGAT 

TGATCCATTGCTGTAGTTCATTCGC 
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3.5.9. Western blotting 

For total protein extraction, samples were homogenized in RIPA buffer (150 

mM NaCl, 1% IGEPAL, 0.5% sodium deoxycholate, 0.1% SDS, 50 mM Tris-HCl pH 

8.0) supplemented with protease and phosphatase inhibitor cocktails (Roche Applied 

Science). Total proteins were quantified with a BCA (Bicinchoninin acid) protein 

assay kit (Pierce) using bovine serum albumin as the standard concentration range. 

For the immunodetection assay, 20 μg of samples were denatured for 5 min at 

100°C, electrophoresed on 12% SDS-PAGE gels, transferred onto nitrocellulose 

membranes 0.45 μm (GE Healthcare), and blocked with 5% non-fat dried milk in 1X 

PBS with 0.05% Tween 20 at pH 7.4. Membranes were incubated overnight at 4°C 

with primary mouse anti-MBNL1 (1:200, clone MB1a (4A8), Developmental Studies 

Hybridoma Bank) or mouse anti-MBNL2 (1:100, clone MB2a (3B4), Developmental 

Studies Hybridoma Bank). anti-GAPDH-binding protein-HRP antibody (1 h, 1:3500, 

clone G-9, Santa Cruz) as a loading control. All primary antibodies were detected 

using horseradish peroxidase (HRP)-conjugated anti-mouse-IgG secondary 

antibody (1h, 1:5000, Sigma-Aldrich). Immunoreactive bands were detected using 

ECL Western Blotting Substrate (Pierce), and images were acquired with an 

AMERSHAM ImageQuant 800 (GE Healthcare). Quantification was performed using 

ImageJ software. The statistical differences were estimated by the Student’s t-test 

(p<0.05) on normalized data6. 

3.5.10. Statistical analysis 

All group data are expressed as mean ± SEM. The comparisons between 

groups were performed using Prism 8 software (GraphPad) by two-tailed Student t-

test (α=0.05), applying Welch’s correction when necessary. Differences between 

groups were considered significant when p<0.05 (*p<0.05; **p<0.01; ***p<0.001; 

****p<0.0001). 

 
6 The molecular validation for antagomiR treatments was performed by Dr. Estefanía Cerro-Herreros 
as part of our collaboration with the Translational Genomics Group, Incliva Health Research Institute 
from Valencia, Spain. 
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3.6. Human platelet lysate-based nanocomposite 
hydrogels for skeletal muscle tissue engineering 

3.6.1. Fabrication of the hydrogel casting platforms 

The hydrogel casting platforms were designed using Fusion 360 software 

(Autodesk) as circular chips (8 mm diameter) with a rectangular well of 35 µL 

volumetric capacity, containing two T-shaped posts (diameter: 0.8 mm; height: 3.25 

mm) (Figure 4.23A). In this protocol, polydimethylsiloxane (PDMS) replicas of a 3D 

printed master mold were obtained by EcoflexTM (00-30, Smooth-On) negative 

intermediary molds.7 

Fabrication of the master mold 

First, the master mold was generated by transforming the platform design into 

an STL file for projector-based stereolithography 3D printing using a Solus DLP 3D 

Printer (Reify 3D) with an opaque orange resin (SolusProto, Reify 3D) that withstands 

high temperatures. The hard 3D printed molds were silanized by chemical vapor 

deposition (CVD) of trichloro(1H,1H,2H,2H-perfluorooctyl)silane (PFOTS, Sigma-

Aldrich). Briefly, the surface of 3D printed molds was activated with oxygen plasma 

for 30 s and immediately placed in a vacuum desiccator with 5 drops of PFOTS for 

1 h. After deposition, the silanized 3D printed master mold was left in an oven for 1 

h at 80 ºC. 

Fabrication of the negative mold 

The EcoflexTM negative mold was made by mixing the two prepolymers 

(1A:1B, approximately 15 g of each prepolymer). Before beginning, prepolymer B 

had to be thoroughly pre-mixed. Then, A and B were thoroughly mixed for 3 minutes. 

The mixture was placed in a vacuum desiccator for 5 min to remove entrapped air. 

After, the liquid prepolymer was poured on the 3D printed master mold and degassed 

inside the vacuum desiccator for 15 minutes. The EcoflexTM was cured at room 

temperature overnight. Finally, the cured polymer was carefully peeled off from the 

3D printed master mold, washed with ethanol, and dried with N2 flow and on a hot 

 
7 Hydrogel casting platforms were designed by Dr. Juan M Fernández-Costa and fabricated by Lluís 
Mangas from the Biosensors for Bioengineering Research Group at IBEC. 
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plate (90 ºC, 10 min) before silanization with PFOTS (following the same procedure 

as with the 3D printed master mold). 

Replica molding of PDMS platforms 

The polymer elastomer base and curing agent were weighted in a 10:1 ratio. 

After thoroughly mixing, we degassed the polymer in a vacuum desiccator. The 

uncured PDMS was poured on the EcoflexTM mold (placed in a glass Petri dish), and 

the trapped air in the post area was removed with a syringe. Then, the mold was left 

inside a vacuum desiccator until all the trapped air was removed. After, the PDMS 

was cured at 80 °C for 6 h. Before demolding, PDMS was left for additional curing at 

room temperature overnight. PDMS was then detached from the EcoflexTM and 

cleaned by sonication in Milli-Q water and 2-propanol for 5 min. Then, individual 

PDMS platforms were cut using an 8 mm diameter biopsy punch. Finally, a cover 

glass was bonded to each platform base by activating the two surfaces (glass and 

PDMS platform base) with UV plasma for 15 min before joining the two surfaces. 

Before cell encapsulation, platforms were washed with isopropanol and water. 

3.6.2. Preparation of the nanocomposite hydrogel (HUgel) 

Preparation of HUgel precursors 

Human platelet lysate (PL) was purchased from STEMCELLTM Technologies. 

Aldehyde-cellulose nanocrystals (a-CNC) were prepared at the Research Institute 

on Biomaterials, Biodegradables, and Biomimetics (i3Bs, University of Minho, 

Portugal) [222,223]. Cellulose nanocrystals (CNC) were extracted from 

microcrystalline cellulose powder (Sigma-Aldrich) by sulphuric acid hydrolysis8. 

Briefly, concentrated sulphuric acid (Sigma-Aldrich) was added dropwise to the 

microcrystalline cellulose powder up to a final concentration of 64% w/v. The 

obtained suspension was heated at 44 ºC for 2 h. Then, the suspension was collected 

and stored at 4 ºC. To produce a-CNC, sodium periodate (NaIO4, Sigma-Aldrich) was 

added to a 1.5% w/v CNC aqueous suspension in a 1:1 molar ratio (NaIO4:CNC) for 

12 h. Finally, the concentration of the working suspension was adjusted by 

concentrating it against poly(ethylene glycol) (20.000 kDa, Sigma-Aldrich) using 

benzoylated cellulose dialysis membranes (2000 Da NMWCO, Sigma-Aldrich). Stock 

 

8 CNC were synthesized by Manuel Gomez-Florit in collaboration with the i3Bs Research Group 
from the University of Minho. 
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water dispersions of a-CNC were prepared and fully characterized in previous works 

by researchers from the i3Bs Research Group [222,223]. 

Cell encapsulation by HUgel casting in PDMS platforms 

PDMS casting platforms were treated with 0.2% Pluronic® (F-127, Sigma-

Aldrich) for 20 minutes to avoid hydrogel attachment to the PDMS well. After 

treatment, the platforms were washed 3 times with phosphate buffered saline (PBS) 

and sterilized with UV light. For cell encapsulation, HuMSCs were detached and 

resuspended in PL. In these experiments, we worked with final cell densities of 0.5, 

1, or 2.5 x 107 cells mL-1. The a-CNC water dispersion was placed in a sterile 

Eppendorf tube at the desired concentration and sonicated for 5 minutes. Then, the 

suspension was mixed with thrombin from human plasma (2 U mL-1, Sigma-Aldrich) 

and CaCl2 (10 mM, Sigma-Aldrich). The cell suspension in PL was thoroughly mixed 

in a 1:1 ratio with the suspension containing a-CNC, thrombin (final concentration: 1 

U mL-1), and CaCl2 (final concentration: 5 mM). Finally, a volume of 35 µL of the 

mixture was carefully placed inside each PDMS platform well (Figure 4.23B). The 

samples were allowed to crosslink at 37 ºC for 30 min before adding growth medium. 

After two days, the medium was switched to differentiation medium. Then, half of the 

medium was replaced every two days. The 3D culture was carried out under shaking 

conditions inside an incubator (37 ºC, 5% CO2). 

3.6.3. Immunofluorescence staining 

The bioengineered human muscle tissues were fixed with 10% formalin 

solution (Sigma-Aldrich) for 30 min at RT, followed by several washes in PBS. 

Samples were then permeabilized with PBS-T (0.1% Triton-X (Sigma-Aldrich) in 

PBS), blocked (0.3% Triton-X, 3% donkey serum (Sigma-Aldrich) in PBS) for 2 h at 

RT, and incubated with monoclonal mouse anti-sarcomeric α-actinin (SAA) primary 

antibody (1:200, Sigma-Aldrich) at 4 °C overnight. After several PBS-T washes, the 

samples were incubated for 2 h with polyclonal donkey anti-mouse IgG, Alexa Fluor 

488-conjugated secondary antibody (1:200, Invitrogen), and rhodamine-phalloidin 

(1:200, Cytoskeleton)  to stain F-actin, at RT. Finally, the samples were 

counterstained with DAPI (4',6-diamidino-2-phenylindole, Life Technologies) to 

detect the nuclei. The complete protocol was performed under shaking conditions. 
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3.6.4. Electrical Pulse Stimulation 

After 7 days in differentiation medium, the bioengineered 3D human skeletal 

muscle tissues were subjected to electrical pulse stimulation (EPS). EPS was 

performed with a custom-made stimulation plate consisting of graphite electrodes 

assembled on a 12-well plate lid.  First, the stimulation plate containing the tissues 

was placed inside a Zeiss Axio Observer.Z1/7 microscope outfitted with the XL S1 

cell incubator at 37 ºC and on a 5% CO2 atmosphere. Then, the electrodes were 

connected to a multifunction generator (NF Corporation), and the frequency and 

amplitude of the signals were confirmed using a digital oscilloscope (QUIMAT). 

Finally, the muscle tissues were subjected to a stimulation regime of square pulses 

with a 10% duty cycle, an electrical field strength of 1 V/mm, and frequencies from 1 

to 50 Hz to evaluate tissue response (see Figure 4.27A).9 

3.6.5. Imaging 

Live-cell imaging was performed with the Zeiss Axio Observer.Z1/7 

microscope outfitted with the XL S1 cell incubator. All images were taken at 37 ºC 

and on a 5% CO2 atmosphere and processed using the Fiji image processing 

package, a distribution of ImageJ [218,224]. In addition, fluorescence images were 

taken with a ZEISS LSM800 confocal laser scanning microscope and analyzed using 

the Imaris microscope image analysis software (Oxford instruments). 

3.6.6. Force measurements 

The post deflections during tissue contractions were recorded and analyzed 

using Fiji. The force-displacement relationship for the posts was estimated using 

linear bending theory based on previously published protocols (Figure 4.22) 

[188,209]. The Young’s modulus of the PDMS (10:1) was previously measured as 

E=1.6 ± 0.1 MPa. Considering the posts’ geometry and dimensions, we calculated a 

spring constant (k) of 3.54 N/m. The spring constant was used to transform the 

recorded post deflections (d) into the force generated by the bioengineered 3D 

skeletal muscle tissues (F). 

 
9 The electrical stimulation well-plate was custom-made by Dr. José Yeste from the Biosensors for 
Bioengineering Research Group at IBEC. 



MATERIALS AND METHODS 

108 
 

𝐹 =
6𝜋𝐸𝐷4

64𝑎2(3𝐿 − 𝑎)
∙ 𝑑 = 𝑘 ∙ 𝑑 

Here, D is the diameter of the posts, L is the total length, and α is the length 

from the bottom of the post to the centroid of the cap. 

3.6.7. Statistical analysis 

All group data are expressed as mean ± SEM. The comparisons between 

groups were performed using Prism 8 software (GraphPad) by two-tailed Student t-

test (α = 0.05), applying Welch's correction when necessary. Differences between 

groups were considered significant when p< 0.05 (*p< 0.05; **p< 0.01; ***p< 0.001; 

****p< 0.0001). 
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4.1. Composite Biomaterials as Long-Lasting Scaffolds 
for 3D Bioprinting of Highly Aligned Muscle Tissue 

The first part of this thesis involved studying different gelatin-based composite 

hydrogels as bioprinted cell-laden scaffolds for engineered skeletal muscle tissue10. 

Gelatin methacryloyl (GelMA) is a common biomaterial for tissue engineering. It is 

obtained by functionalizing natural gelatin with methacrylate groups that can 

undertake radical polymerization reactions in the presence of a photoinitiator and UV 

light. However, it is challenging to obtain long-lasting GelMA scaffolds for 3D cell 

culture due to their poor mechanical properties and high enzymatic degradability. In 

this work, GelMA was synthesized and combined with three other photocrosslinkable 

biomaterials that are not degradable by mammalian cells. These biomaterials 

consisted of commercially available poly(ethylene glycol)diacrylate (PEGDA) and 

two polysaccharides: alginate and carboxymethyl cellulose (CMC), which were 

functionalized to obtain alginate methacrylate (AlgMA) and carboxymethyl cellulose 

methacrylate (CMCMA). 

GelMA was combined with either PEGDA, AlgMA, or CMCMA under various 

fabrication conditions, such as material concentration, type of photoinitiator, 

photoinitiator concentration, and UV exposure time. Then, the physical and biological 

properties of the resulting composite hydrogels were extensively characterized and 

compared to select the optimal conditions for the development of bioprinted skeletal 

muscle fibers from C2C12 murine cells. The results demonstrated that the composite 

hydrogels have a higher resistance to degradation than GelMA hydrogels. Thus, the 

bioprinted scaffolds maintained their 3D structure over a prolonged culture period. 

Altogether, the properties of the composite hydrogels, scaffold geometry, and 

bioprinting conditions promoted the alignment of muscle cells and supported their 

differentiation into multinucleated myotubes expressing myosin heavy chain protein. 

 

 

10 This work has been published as: 

García-Lizarribar A*, Fernández-Garibay X*, Velasco-Mallorquí F, Castaño A G, Samitier J, and 
Ramon-Azcon J 2018 Composite Biomaterials as Long-Lasting Scaffolds for 3D Bioprinting of 
Highly Aligned Muscle Tissue. Macromol. Biosci. 18 1800167. 

*Authors contributed equally to this work. 
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4.1.1. Introduction 

Engineered muscle tissues (skeletal and cardiac muscle) have in vivo 

regenerative medicine applications that involve harvesting cells from the patient, 

growing them within a suitable scaffolding material, and reintroducing them into the 

patient [225–227]. Moreover, these engineered tissues also have in vitro applications 

for drug screening, bioactuators, and biosensors [228–232]. Especially interesting is 

the use of engineered muscle tissues as bioactuators. As intrinsically biocompatible 

materials, such tissues can be integrated into biomedical devices to harvest energy 

and produce microcontrolled actuators. Specific examples include the application of 

skeletal muscle tissue on a Si–MEMS device to act as a micro‐bioactuator for energy 

harvesting [233], bioactuators operated by self‐assembled insect muscle tissue 

[234], or integration of optogenetic myotubes with MEMS systems [235]. In all of 

these systems, the contractile ability of muscle tissue is needed and can only be 

obtained with a correct microarchitecture of the tissue, superior adaptable 

mechanical properties of the material where the tissue is attached, and a stable 3D 

structure. Important advances have been made in this area. Still, one of the major 

obstacles in engineering 3D complex tissues such as muscle is the need to 

encapsulate the cells in a long‐lasting biocompatible 3D environment with adaptable 

mechanical properties [236]. To date, many technologies, including 

photolithography, electrospinning, and bioprinting [236–240], have been adopted for 

the fabrication of 3D tissue constructs. Among them, bioprinting shows exciting 

potential as it is able to provide precise spatial manipulation of living cells with a 

suitable 3D growth environment, optimal oxygen levels, and effective nutrient 

transport, as well as mechanical integrity. 

Cell responsive bioinks are a critical component in bioprinting technology. 

Hydrogel‐based bioinks encapsulating living cells and bioactive components are 

commonly used for bioprinting. Currently, natural materials derived from mammalian 

animals (e.g., collagen, gelatin, and fibrin) are more suitable for engineering skeletal 

muscle due to higher cell attachment density, greater rates of cell proliferation, gel 

compaction (resulting in greater final cell density), and endogenous provision of 

growth factors and biological signals for differentiation [241,242]. So far, a range of 

natural hydrogels, including gels such as collagen/gelatin [243], gelatin methacryloyl 

(GelMA) [244,245], alginate [246], fibrin [247], and hyaluronic acid (HA) [248], have 

been used in bioprinting. Still, none of these materials have fulfilled all the 
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requirements for engineering muscle tissue bioactuators, such as good mechanical 

properties and the formation of stable and durable structures. These 3D natural 

scaffolds are degraded by mammalian cells, and the structural functionality of the 

bioactuator is finally lost [249]. 

To overcome the lack of 3D geometry over time and obtain long‐lasting 

architectures, composite materials can be obtained through the combination of 

degradable and non‐degradable materials of both synthetic [238,249–251] and 

natural origin [214,248,252–254]. Among the distinct types of natural non‐

biodegradable biomaterials, polysaccharides have attracted considerable attention 

in biomedical and pharmaceutical applications due to their biocompatibility and 

chemical properties [255,256]. Carboxymethyl cellulose (CMC) is a water‐soluble 

and biocompatible derivative of cellulose, and it is derived from abundant renewable 

resources. CMC hydrogels are not biodegradable by mammalian cells and, for this 

reason, they can be used as a natural biocompatible material to produce non‐

degradable structures [257]. Only a few applications use it to encapsulate cells 

[253,258], and CMC methacrylate (CMCMA) combined with GelMA has never been 

tested in tissue engineering applications. Alginate is a more widely used 

polysaccharide in tissue engineering applications. Alginate is a linear unbranched 

polysaccharide derived from seaweed containing repeating units of 1,4‐linked b‐D‐

mannuronic acid and a‐L‐guluronic acid. It gels in the presence of divalent cations, 

such as calcium, barium, and magnesium [259]. Alginate without any modification 

has been used in combination with GelMA [252], and it has also been methacrylated 

and used to encapsulate chondrocyte cells [214]. In addition, GelMA and AlgMA have 

already been combined to encapsulate human osteoblast‐like cells and human 

umbilical cord vein endothelial cells [260]. Although previous studies have reported 

promising results, there is still limited control over the mechanical properties, swelling 

ratios, and the consequent effects on the cell differentiation process of these 

polysaccharides and their respective composite biomaterials with GelMA. Finally, 

poly(ethylene glycol) diacrylate (PEGDA) is one of the most popular synthetic non‐

degradable materials used in tissue engineering applications [261] because of its 

high hydrophilicity, bioinert structure, and lack of toxic or immunogenic responses. 

Also, PEG‐based hydrogels provide adjustable mechanical properties as their elastic 

modulus can be tuned over a broad range of values to mimic the moduli of soft 

tissues [262]. In bioprinting applications, it has been used in combination with natural 

hydrogels to produce composite hydrogel formulations [251]. 
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Here, we report evaluation of three photocrosslinkable composite materials 

(i.e., GelMA‐alginate‐methacrylate [GelMA‐AlgMA], GelMA‐carboxymethyl cellulose‐

methacrylate [GelMA‐CMCMA]) and GelMA‐PEGDA, as bioinks for engineering 

skeletal muscle tissue. By employing GelMA gels in combination with different non‐

biodegradable materials (i.e., alginate, cellulose, and PEGDA), we obtained 

composite materials for direct bioprinting 3D cell‐laden skeletal muscle constructs 

with high structural fidelity, enhanced bioactivity, and long‐lasting structures. We 

formulated a library of composite hydrogel prepolymer solutions with different 

prepolymer concentrations, UV dosage, and two different UV photoinitiators. 

Photopolymerizable hydrogels show a close relationship between their mechanical 

properties and their crosslinking density [49,263] and stiffness of hydrogels strongly 

affects cell behavior and can induce or inhibit cell differentiation toward different 

phenotypes [191,262,264,265]. We tuned the mechanical properties of the resulting 

hydrogels by varying the time of UV‐induced crosslinking and photoinitiator 

concentration. We hypothesized that pore size frequency distribution also has a 

significant impact on cell behavior [254]. The diffusion of nutrients inside the 

structures can be reduced, and extremely packed structures limit cell migration and 

growth. After thorough cell viability and mechanical characterization, we used those 

formulations to prepare cell‐laden hydrogels in combination with C2C12 murine 

myoblasts. Moreover, we evaluated the maturation of myotube structures by 

fluorescence microscopy. To this end, we used C2C12‐laden composite hydrogels 

as a system to demonstrate the feasibility of the proposed technique in bioprinting 

constructs with preserved 3D structures over time. It was vital to match not only the 

morphology of the functional skeletal muscle fibers but also the cellular arrangement. 

Control of the hydrogel properties, such as mechanical stiffness, swelling, 

degradation, and porosity, was critical to obtain proper cellular function and tissue 

morphogenesis. 

4.1.2. Experimental procedure 

Synthesis of polymer precursors 

Gelatin (Sigma‐Aldrich, USA) was modified to a 40% degree of 

methacrylation as previously described [238]. Briefly, gelatin was dissolved in PBS 

10 mM at a concentration of 10% w/v, and methacrylic anhydride (Sigma‐Aldrich, 

USA) was carefully added to the solution drop by drop. One hour later, the reaction 
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was stopped by adding an excess of PBS 10 mM and dialyzed against Milli-Q water 

with 6–8 kDa MWCO membranes (Spectra/por, Spectrumlabs, USA). Water was 

changed every 4 h during 4 days. Gelatin methacryloyl (GelMA) was lyophilized and 

stored at −20 °C. Sodium carboxymethyl cellulose (CMC) and sodium alginate 

(alginate, Alg) (Sigma‐Aldrich) were methacrylated at a maximum degree of 

methacrylation as previously described [262]. The methacrylation reaction was 

performed by mixing a solution of 1% w/v of the polymer in 50 mM MES buffer at pH 

6.5 with 20 mM EDC, 10 mM N‐hydroxysuccinimide, and 10 mM 2‐

aminoethylmethacrylate (Sigma‐Aldrich). The reaction was stopped after 24 h with 

the addition of acetone (Panreac, Spain) and filtered using a vacuum flask. The 

precipitate was dissolved in PBS 10 mM and dialyzed against Milli-Q water with 3.5 

kDa MWCO membranes (Thermofisher, USA). Finally, the solutions of 

methacrylated polymers (CMCMA and AlgMA) were lyophilized and stored at −20 

°C. 

Nuclear Magnetic Resonance 

For 1H‐NMR, gelatin, GelMA, CMC, CMCMA, alginate, and AlgMA were 

dissolved in D2O and analyzed on a Varian Inova 500 (Varian, USA). All samples 

were measured with a relaxation delay of 1 s for 64 scans. 

Preparation of prepolymer solutions 

The polymer precursors (GelMA, CMCMA, AlgMA, and PEGDA) were mixed 

in different concentrations and diluted in PBS 10 mM containing the photoinitiator. 

Final concentrations of photoinitiator, either 2‐hydroxy‐4′‐(2‐hydroxyethoxy)‐2‐

methylpropiophenone (I2959) (Sigma‐Aldrich) or lithium phenyl (2,4,6‐

trimethylbenzoyl)phosphinate (LAP) (TCI EUROPE N.V., Belgium), were fixed at 

0.4% or 0.1% w/v. Polymer solutions were placed at 65 °C for 1 h to obtain 

homogeneous solutions. Polymer solutions were prepared to obtain final 

concentrations of 5% or 1% w/v GelMA and 1% w/v CMCMA, AlgMA, or PEGDA. All 

hydrogels were fabricated using a 3D bioprinter (3DDiscovery BioSafety, regenHU, 

Switzerland; 365 nm, 3 W cm−2) with the UV light source. 

Multifactorial analysis to assess cell viability under 3D bioprinting 
conditions 

The alamarBlue assay (Thermofisher) was performed by following the 

manufacturer’s protocols. A multifactorial screening was assessed to test the 
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synergic effect of GelMA concentration, photoinitiator concentration of both I2959 

and LAP, and UV exposure time on the cell viability. Prepolymers were prepared at 

1% or 5% w/v of GelMA. Photoinitiators were used at 0.1% and 0.4% w/v. Cell‐laden 

hydrogels (20 µL amounts) (106 C2C12 cells mL−1) were poured into wells of a 96 

well‐plate. After UV exposure, samples were rinsed with growth medium to remove 

unreacted reagents and cultured for 24 h. Then, samples were incubated with 

alamarBlue solution at 10% v/v in growth media for 3 h at 37 °C. Finally, the 

absorbance was read at 570 nm (λ1) and 600 nm (λ2). The percentage of reduction 

(cell viability) was determined by the following equation: 

% 𝑅𝑒𝑑𝑢𝑐𝑡𝑖𝑜𝑛 =  
(𝜀𝑂𝑋)𝜆2 ∙  𝐴𝜆1 − (𝜀𝑂𝑋)𝜆1 ∙  𝐴𝜆2

(𝜀𝑅𝐸𝐷)𝜆1 ∙ 𝐴′
2 − (𝜀𝑅𝐸𝐷)𝜆2 ∙ 𝐴′𝜆1

 ∙ 100 

Here, εOX and εRED represent the molar extinction coefficient of alamarBlue 

oxidized form. A and A’, represent the absorbance of the samples and the negative 

control, respectively. Statistical comparison was performed using a 24 ANOVA 

multifactorial analysis by StatGraphics Centurion software (Supporting 

Information). 

Swelling analysis of composite hydrogels 

The prepolymer solutions were prepared as described above. Samples for 

swelling analysis were prepared by placing 300 µL of the prepolymer solution in a 48 

well‐plate. After exposing the prepolymer solution to UV light, hydrogels were rinsed 

with PBS, and their initial weight was measured. Then, the wet weight was 

determined after 1, 3, and 7 days in PBS, after a wipe with tissue paper to remove 

the excess water. The wet weight increase ratio (∆W) of the hydrogels was 

determined by the following equation: 

∆𝑊 =  
𝑊𝑠 − 𝑊𝑖

𝑊𝑖

 ∙ 100 

Here, Wi and Ws represent the weight of composite hydrogels after fabrication 

and the weight after swelling in PBS, respectively. To calculate the mass increase, 

each water content value was normalized with the initial weight of the sample. 
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Degradation of composite hydrogels 

Hydrogels were fabricated as described above for the swelling analysis. 

Hydrogels were removed from the 48 well‐plate and left swelling for 3 days in a 6 

well‐plate. A total of 3 mL of 1.5 U mL−1 of collagenase type II (Thermofisher) in PBS 

was added on the hydrogels, and they were incubated at 37 °C, under 100 rpm 

shaking conditions. Then, hydrogels were weighted after 1, 2, and 4 h. The percent 

hydrogel remaining (%Wr) was determined by the following equation: 

%𝑊𝑟  =  
𝑊𝑡

𝑊𝑖

 ∙ 100 

Here, Wt represents the weight of hydrogel composites after collagenase 

incubation. 

Analysis of the mechanical properties of composite hydrogels 

Uniaxial compression tests of hydrogels were performed using a Zwick Z0.5 

TN instrument (Zwick‐Roell, Germany) with a 5 N load cell. Hydrogels were 

fabricated following the same procedure as for the swelling analysis. After reaching 

equilibrium swelling, cylindrical hydrogels were cut using a 10 mm diameter biopsy 

punch. Real hydrogel diameters and heights were measured prior to the experiment. 

Samples were tested at room temperature up to 30% final strain (deformation), using 

the following parameters: 0.1 mN preload force and 20% min−1 strain rate. Stress-

strain graphs were obtained from load‐deformation measurements. Values for the 

compressive modulus were calculated from the slope of the linear region 

corresponding to 10–20% strain. For each hydrogel formulation, three samples were 

prepared, and measurements were performed in triplicate. 

Pore size quantification 

Cylinder‐shaped hydrogels, 10 mm in diameter, were fabricated as described 

above for pore size quantification. Then, they were left swelling in Milli‐Q water for 3 

days to reach the same hydrogel architecture as cell encapsulation experiments and 

be comparable with them. After that, dehydration was carried out by sequential 

immersion in graded ethanol solutions in Milli‐Q water: 30%, 50%, 70%, 80%, 90%, 

and 96% v/v for 5–15 min each and twice for 100% ethanol. Then, samples were 

placed in the chamber of a critical point dryer (K850, Quorum Technologies, UK), 

sealed, and cooled. Ethanol was replaced completely by liquid CO2 and by slowly 
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heating. CO2 achieved gas phase equilibrium at 35 °C and 85.06 atm and was slowly 

drained. This technique allowed dehydration of the hydrogels while avoiding their 

collapse. After critical point drying, hydrogels were imaged by ultrahigh-resolution 

scanning electron microscopy (Nova NanoSEM 230, FEI Company, The 

Netherlands) operating in low vacuum mode (0.5 mbar of water vapor pressure). 

Scanning electron microscopy (SEM) images were used to quantify the pore size 

distribution using ImageJ free software (http://rsb.info.nih.gov.sire.ub.edu/ij, National 

Institutes of Health, USA). 

3D culture of C2C12 myoblasts embedded in the composite 
hydrogels 

C2C12 myoblasts from Mus musculus were purchased from ATCC and 

expanded in a growth medium based in Dulbecco Modified Eagle Medium (DMEM 

high glucose, L‐glutamine, Gibco, Thermofisher) supplemented with 10% fetal 

bovine serum (Thermofisher) and 1% penicillin/streptomycin (Thermofisher) at 37 °C 

and 5% CO2 atmosphere. To promote myotube formation, differentiation medium 

was used, based on DMEM high glucose and L‐glutamine, supplemented with 2% 

Horse Serum (HS) (Thermofisher), 1% Penicillin/Streptomycin, and 2.5% HEPES 

(Thermofisher). 

To fabricate cell‐laden hydrogels, one volume of prepolymer solutions of the 

different composite hydrogels was mixed with one volume of a suspension of C2C12 

cells to a final density of 1 × 107 cells mL−1. Blends of prepolymer and cells were then 

placed in a cylindrical mold of 6 mm inner diameter and 750 µm height. Cell‐laden 

solutions were photocrosslinked by 5 s or 25 s exposure to UV light at 3 W cm−2. This 

was followed by immersion of the cell‐laden hydrogels in growth media to remove 

the unreacted reagents. 

C2C12 survival in the composite hydrogels 

C2C12 cells were encapsulated in each hydrogel as described previously. 

The viability was studied after 1 and 7 days using the Live/Dead assay kit and 

Hoechst (Thermofisher). Fluorescence images were captured using confocal 

microscopy (TCS SPE, Leica, Germany) and processed by MATLAB software 

(Supporting Information). Survival percentage was calculated as the fraction of 

living cells in respect to the total cell number. Additionally, cell morphology within the 

hydrogels was studied through the immunostaining of nuclei and filamentous actin 
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(F‐actin). For this purpose, hydrogels were fixed in 10% formalin solution (Sigma‐

Aldrich) 7 days after fabrication. Then, hydrogels were washed with PBS, and cells 

were permeabilized with Block‐Perm solution: 0.2% v/v Triton X‐100 (Sigma‐Aldrich) 

and 1% w/v BSA (Sigma‐Aldrich) in PBS for 1 h. Afterward, hydrogels were washed 

in PBS and incubated in 100 nm Rhodamine Phalloidin 480 (Cytoskeleton, USA) 

solution overnight. After washing with PBS, nuclei were counterstained with DAPI 

(300 nm, Thermofisher) for 15 min. Hydrogels were mounted and stored at 4 °C 

before observation by confocal microscopy. 

C2C12-laden composite hydrogels bioprinting and C2C12 
differentiation into myotubes 

Prepolymer solutions and C2C12 cell suspension were mixed as previously 

described to obtain a 5% w/v GelMA solution with or without 1% w/v of either PEGDA, 

CMCMA, or AlgMA in PBS containing 0.1% w/v LAP. Solutions were introduced in a 

3‐cc printing syringe (Nordson Corporation, USA) and placed in the direct dispensing 

head of the bioprinter (3DDiscovery BioSafety). All of the printing processes were 

performed in a cooling chamber at 10 °C. The printing rate was 7 mm s−1, and printing 

pressure varied depending on the loaded prepolymer solution: 2.5, 2.5, 3, and 5 bar 

in the case of GelMA, GelMA‐CMCMA, GelMA‐AlgMA, and GelMA‐PEGDA, 

respectively. To promote myotube formation and alignment, cell‐laden hydrogel 

architecture was designed as an array of 20 filaments in a 16 mm diameter circle 

(BioCAD v1.0 software, regenHU Ltd., Switzerland) and converted to computer‐

aided design (CAD) files (Supporting Information). CAD files were opened in the 

3D DISCOVERY HMI software interface (regenHU Ltd., Switzerland). Constructs 

were made by the extrusion of two layers, through a nozzle of 200 µm inner diameter, 

and then were photocrosslinked by a 5 s exposure to UV light (365 nm) into a 6 well‐

plate. After that, hydrogels were immersed in the growth medium and changed three 

times to remove unreacted reagents. After 5 days, growth medium was switched to 

differentiation medium. Samples were fixed at 11 days, and F‐actin and nuclei were 

stained as described previously. In addition, staining of myosin heavy chain was 

performed by incubating the samples in a 5 µg mL−1 MF20 Alexa Fluor 488 

(eBioscience, Thermofisher) solution overnight. 

Myotube alignment and fusion index analysis 

Z‐stack images obtained by confocal microscopy were processed using 

ImageJ software. Myosin heavy chain (MHC) staining was used to analyze the fusion 
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index and myotube alignment. Myotube alignment was assessed by measuring the 

angle formed between the myotubes and the longitudinal axis of the printed pattern. 

The fusion index was calculated by dividing the number of nuclei within the myotubes 

by the total number of counted nuclei, and this was expressed as a percentage. 

Three samples for each condition were used, and more than 100 myotubes were 

analyzed for each sample. 

Statistical analysis 

All data collected were presented as the mean ± standard deviation (SD) 

using GraphPad Prism software (GraphPad, USA). ANOVA and t‐tests were 

performed in StatGraphics Centurion software (StatGraphics, Spain) to compare 

treatments. A p‐value of 0.05 or less was considered statistically significant. 

4.1.3. Results and discussion 

Synthesis and characterization of methacrylated polymers 

Our three composite bioinks incorporated four different photocrosslinkable 

materials (Figure 4.1). GelMA emulates the ECM for various cell types [47] in 

combination with the non‐biodegradable materials alginate (Alg), carboxymethyl 

cellulose (CMC), and PEGDA. GelMA is a photocrosslinkable hydrogel derived from 

natural gelatin. Gelatin was functionalized with methacrylic anhydride as previously 

described [47], and the methacrylation was characterized by a colorimetric assay. 

Hydrogels were finally fabricated using GelMA with a 40% degree of methacrylation 

(Table S1, Supporting Information). Alginate was methacrylated following the 

protocol described by Jeon et al. [214]. In addition, CMC was functionalized using 2‐

aminoethylmethacrylate and EDC/NHS using carboxylic acids as anchorage points. 

The number of methacrylate groups was directly verified by 1H‐NMR and was in close 

agreement with previous works (Figures S1 and S2, Supporting Information) 

[214,257]. Following the reported protocol, we assumed that alginate and CMC 

achieved a theoretical and real degree of methacrylation of about 45% and 25%, 
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respectively [214,257]. Finally, PEGDA, which already has two end acrylate groups, 

was obtained from a commercial supplier. 

Assessment of optimal C2C12 survival after encapsulation in 
composite hydrogels 

Cell viability after encapsulation in photocrosslinkable bioinks is under the 

influence of several factors, such as material concentration [266], functionalization 

degree (amount of functional methacrylates/methacrylamides conjugated onto the 

polymer) [47], UV exposure time, type of photoinitiator, and photoinitiator 

concentration [49]. For this reason, the limits of these factors controlling printing 

capabilities were assessed based on cell viability. To determine the most relevant 

factors acting on cell viability, C2C12 myoblasts were encapsulated using different 

biomaterial concentrations, photoinitiator concentrations, and UV exposure times. 

Two different photoinitiators were used, 2‐hydroxy‐4′‐(2‐hydroxyethoxy)‐2‐

methylpropiophenone (I2959) and LAP. To assess all these parameters, a 24 

ANOVA multifactorial analysis of cell viability assay was designed using 96 well‐

plates. Cell viability was determined 24 h after cell printing by an alamarBlue 

commercial kit. Percentage reduction of alamarBlue reagent is related to cell 

metabolism; thus, high values of reduction mean high cell viability. Due to the 

Figure 4.1. Covalent functionalization of the photocrosslinkable materials. (A) gelatin 

methacryloyl (GelMA), (B) alginate methacrylate (AlgMA), (C) carboxymethyl cellulose methacrylate 

(CMCMA), and (D) poly(ethylene glycol)diacrylate (PEGDA). 
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bioprinter equipment used in this work, UV light intensity could not be adjusted, but 

the effects of this parameter were incorporated in exposure time. It was possible to 

increase or reduce the UV dosage by using longer or shorter exposure times. 

The full statistical dataset is shown in the Supporting Information (ANOVA 

multifactorial analysis of the viability assay). By extracting relevant information, it was 

possible to define the limits of the bioprinting system. In all samples, composites 

irradiated for less than 5 s were unable to crosslink. In addition, we found that cell 

viability was strongly affected by the exposure time, and 25 s of UV drastically 

reduced cell survival (Figure 4.2B). Photoinitiator concentration strongly affects cell 

viability because the free radicals produced after UV exposure are cytotoxic. Figure 

4.2C shows the mean cell survival of all samples fabricated with 0.1% and 0.4% w/v 

of photoinitiator (LAP or I2959). This graph demonstrates that increasing the 

photoinitiator concentration from 0.1% to 0.4% w/v dramatically decreased cell 

survival. As was previously reported, LAP has a higher extinction coefficient at 365 

nm than I2959 [49], and more radicals are generated using the same concentration. 

This fact influences cell viability and could explain why I2959 was less toxic than LAP 

(Figure 4.2D). In contrast, the concentration of biomaterial did not have a significant 

effect on cell viability after printing. Below 1% w/v, the obtained structures were not 

consistent enough to be useful, and above 7% w/v, the high viscosity clogged the 

bioprinter’s nozzle orifice. 

Figure 4.2. Effect of (A) GelMA concentration, (B) UV exposure time, (C) photoinitiator 

concentration, and (D) photoinitiator type on the C2C12 cell viability. C2C12 cells were 

encapsulated in GelMA hydrogels at 106 cells mL-1 and cultured for 24 h. Polymer solutions were 

prepared containing either I2959 or LAP photoinitiator at 0.1% or 0.4% w/v. Cell-laden prepolymers 

were photopolymerized under 25 s or 5 s of UV light. Cell viability was examined using the 

alamarBlue test. Values are represented as percentage reduction (mean ± standard deviation, t-test 

**p-value <0.01, n = 12). 
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Considering the alamarBlue assay results and the 3D structure of the 

hydrogels, we concluded that it was possible to work within the 5–25 s range of UV 

exposure time. Both types of photoinitiators could be used at a maximum 

concentration of 0.1% w/v, and finally, the methacrylated biomaterials could be 

printed at a concentration of 5–7% w/v, in agreement with previous findings [191]. 

Hydrogel swelling and degradation 

To study the stability of the different hydrogels over time, different samples 

were prepared in concordance with the previous viability assay results. The 

fabrication conditions were the following: 5% w/v of GelMA with 1% w/v of non‐

biodegradable biomaterial, 5 s of UV exposure, and a 0.1% w/v photoinitiator 

concentration. As noted in the previous section, photoinitiator concentrations above 

0.1% w/v were discarded as unviable because of high cytotoxicity. Below 0.1% w/v, 

we observed high variability in the formation of the crosslinked scaffolds. Figure 

4.3A-B shows pictures of the fabricated cylinder‐shaped hydrogels. Samples 

obtained with I2959 were too weak to maintain cylindrical shape, especially 

compared to hydrogels fabricated with LAP. 

Wet weight increased as a function of time in composite hydrogels made with 

both photoinitiators, I2959 and LAP (Figure 4.3C). Samples were weighted right after 

fabrication and after 1, 2, and 7 days. Photoinitiator molar extinction coefficient, ε, 

determines the generation of free radicals as a function of the wavelength. I2959 has 

a weak molar absorptivity (ε = 4 M−1cm−1) at 365 nm [49,267], and composite 

hydrogels fabricated with I2959 had a wet weight increase close to 0% or even less, 

meaning a loss of mass. Thus, with 5 s of UV exposure, these hydrogels showed low 

crosslinking. The apparent low crosslinking resulted in a loss of material and poorly 

manageable hydrogels. This behavior occurred due to the pore dilation after water 

absorption. Therefore, the negative values of wet weight increase are explained by 

the loss of material, which was greater than the absorbed water content. This effect 

was not observed in the case of composite hydrogels made with LAP, which were 

easy to handle and showed wet weight increases >25%. LAP has about 50‐fold 

higher molar absorptivity (ε = 218 M−1 cm−1) at 365 nm than I2959 [49], explaining 

the results. Therefore, the hydrogels containing LAP showed normal swelling 

behavior, and after 7 days, all reached the swelling equilibrium. 
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The negative effect on shape fidelity when using I2959 (Figure 4.3B) could 

also be attributed to oxygen inhibition in the polymerization system [268]. Lim et al. 

proved that shape fidelity is improved by increasing photoinitiator concentration or 

UV dosage. In our case, by changing to LAP, its higher molar absorptivity produced 

the same effect on the photopolymerization yield and resulted in high fidelity, 

thickness, and mechanical stability (Figure 4.3A). Combinations of GelMA with the 

other hydrophilic photopolymerizable polymers increased the final wet weight. 

Composite blends containing 1% w/v of CMCMA (p‐value < 0.001), AlgMA (p‐value 

= 0.013), or PEGDA (p‐value = 0.04) presented significant differences and scaffolds 

with high water content and swelling were obtained (Figure 4.3D). The differences 

in the water uptake could be attributed to the highly hydrophilic structure of the 

polysaccharides. In the case of GelMA‐AlgMA, the increase in swelling was in 

concordance with recent publications [260]. 

Figure 4.3. Effect of composites on the swelling and degradation of 5% GelMA hydrogels. 

Disc-shaped hydrogels fabricated using (A) LAP or (B) I2959 as a photoinitiator, under 5 s of UV 

light exposure. (C) Swelling was studied as the change in wet weight and (D) differences in mass 

were found in the case of CMCMA, PEGDA, and AlgMA (mean ± standard deviation,  **p-value 

<0.01, n = 6) at the equilibrium swelling. (E) Percentage mass of the remaining profile showing the 

effect of the composite on the decrease in the wet weight of hydrogels (mean ± standard deviation, 

n = 4) incubated in a 1.5 U mL-1 collagenase type II solution. GelMA (■), GelMA‐CMCMA (▼), 

GelMA‐AlgMA (●), GelMA‐PEGDA (▲). 
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To study the effect of polymer composition on the degradation of composite 

hydrogels, collagenase II (1.5 U mL−1), which degrades gelatin fraction, was used. 

Samples were weighed after 1, 2, and 4 h. Hydrogels made with I2959 were 

completely degraded after 1 h due to their poorly crosslinked structure. For this 

reason, only the results of the degradation of the materials obtained with LAP are 

plotted (Figure 4.3E). Compared with pristine GelMA, the composite hydrogels 

showed more resistance to degradation. The addition of 1% w/v PEGDA (p‐value = 

0.046) and AlgMA (p‐value = 0.016) significantly decreased the degradation rate. In 

particular, more than half of the mass (68%) remained for GelMA‐AlgMA hydrogels 

after 4 h of enzymatic degradation. The results showed increased resistance to 

degradation of composite hydrogels by adding a small percentage of non‐

mammalian-derived polymers because alginate, CMC, and PEGDA are not 

degradable by mammalian cells [257,269,270] and provide stability to the composite 

hydrogels. Moreover, it is important to note the better mechanical stability and long‐

lasting structures when fabricated with LAP. 

Composite hydrogels with tunable mechanical properties 

After swelling, hydrogels were punched to get 10 mm diameter cylinders, and 

stress-strain curves were obtained by dynamic mechanical analysis. Young’s 

modulus was determined using a compressive modulus and calculated as the slope 

of the linear part of the stress-strain curves. As the swelling results show (Figure 

4.3C), hydrogels made with the photoinitiator I2959 under 5 s of UV exposure were 

extremely weak, and it was not possible to perform the mechanical measurements 

in some of them (Figure 4.4A). In contrast, all the samples made with LAP under 5 

s of UV exposure were easy to handle, and Young’s modulus values were 

significantly higher (p‐value  < 0.005) than those with I2959. It was clear that I2959 

Figure 4.4. Characterization of the mechanical properties of the composite hydrogels. Young's 

moduli of GelMA and the three composites photocrosslinked with I2959 and LAP during (A) 5 s and 

(B) 25 s. (C) Comparative Young's modulus of hydrogels photocrosslinked with LAP during 5 s and 

25 s. Values are plotted as the mean ± standard deviation, **p‐value < 0.01, n = 3. 
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needs high UV dosages to develop adequately crosslinked hydrogels. Therefore, 25 

s of UV exposure was used (Figure 4.4B). With i2959 and this UV dosage, it was 

possible to fabricate stable hydrogels. However, this long exposure time reduced 

C2C12 viability (Figure 4.2B). 

An increase in the polymer concentration, in particular GelMA, increases the 

stiffness properties of the hydrogel [267]. With the optimized conditions (using LAP 

and 5 s of UV exposure), Young’s modulus was determined to be 3.02 ± 1.13 kPa 

for 5% w/v of GelMA. These values are similar to the reported by Nichol et al. (≈2 

kPa), Camci‐Unal et al. (3.4 kPa), and Costantini et al. (2.45–5.81 kPa), where similar 

polymer percentage and degree of methacrylation are used [47,191,271]. Figure 

4.4C shows that the material stiffness had different behavior with the addition of 1% 

w/v of PEGDA, CMCMA, and AlgMA. The addition of PEGDA (2.89 ± 0.46 kPa for 

GelMA‐PEGDA) did not cause significant changes. However, adding CMCMA 

caused a significant reduction in the compressive moduli to 1.96 ± 0.16 kPa (p‐value< 

0.05). With AlgMA, we observed the opposite effect, with the stiffness increasing 

significantly to 5.53 ± 2.01 kPa (p‐value < 0.05). In all cases, GelMA‐AlgMA 

hydrogels showed the highest compressive modulus compared to the other 

composites. The mild gelation of alginate by divalent cations such as Ca2+ is widely 

used in biomedical applications. We could assume that the relevant differences of 

GelMA‐AlgMA over the other composites are due to a secondary ionotropic gelation 

because of divalent ions contained in the polymer solution or the PBS during the 

swelling. 

The stiffness of composite hydrogels can be related to their resistance to 

collagenase degradation. GelMA‐AlgMA hydrogels had the highest resistance and 

the lowest degradation, followed by GelMA‐PEGDA and GelMA‐CMCMA hydrogels. 

These results suggest that the crosslinking density of hydrogels depends on the 

composite material, UV dosage, and type of photoinitiator. Furthermore, as 

previously indicated, the mechanical properties of hydrogels strongly impact muscle 

function and phenotype [14,191,262,264,265]. Therefore, it is of great interest to 

make hydrogels mimicking the biological scaffolds with tunable mechanical 

properties. The Young’s modulus of hydrogels can be increased by increasing the 

hydrogel concentration, the UV dosage, or the photoinitiator. However, these 

modifications may reduce cell viability and the porosity and interconnectivity of 

hydrogels, affecting the hydrogel’s performance [272]. For example, it has been 
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demonstrated that increasing the mechanical stiffness of GelMA hydrogels by 

increasing its concentration and/or molecular weight of methacrylate limited cell 

viability and growth, morphogenesis, and cell migration [273]. In this regard, non‐

degradable materials hold a great promise as supplementary materials to tune their 

mechanical properties of hydrogels. Due to their different chemical structures, a 

small amount of these non‐degradable materials is sufficient to considerably change 

the mechanical properties of composite hydrogels with a minor effect on 

encapsulated cells. Finally, all of the composite hydrogels showed viscoelastic 

behavior in the range of the stiffness to promote myotube differentiation in 3D (1–3 

kPa) [191] and in 2D structures (8–11 kPa) [23,274]; therefore, all of them could be 

ideal scaffolds for soft tissues, such as skeletal muscle. 

Pore size and pore size distribution 

The pore size of composite hydrogels was analyzed using SEM. The images 

revealed that the fibrillar structure of gelatin was not affected by the addition of the 

other polymers (Figure 4.5A-D). These images were therefore used to determine 

the pore size distribution (Figure 4.5E). Among the different composite hydrogels, 

no significant differences were found in the range of the small pores (<20 nm), which 

could limit the passage of nutrients and proteins [275]. However, GelMA‐PEGDA 

hydrogels showed a significant reduction in the number of pores with diameters 

larger than 200 nm (5 x 105 nm2). The GelMA‐PEGDA hydrogels presented a 

homogenous structure in terms of pores size and pores distribution. The structure 

was more packed, as we can see in Figure 4.5D, and the total amount of pores 

larger than 200 nm was below 0.05% of the total pores (Figure 4.5F). This porosity 

range between 200 and 600 nm is where cells can best spread and extrude their 

filopodia [276–278]. Therefore, having a very low number of pores around this size 

could reduce cell viability because of the limited cell spreading. Furthermore, the 

absence of these pores can negatively affect skeletal muscle differentiation, where 

myoblast spreading and cell-cell contact play a key role in myotube formation [237]. 

In this work, we kept the concentrations of CMCMA, AlgMA, and PEGDA 

constant, but it is expected that increasing this concentration would affect the 

physicomechanical properties of the composite hydrogels. Swelling behavior should 

show an increase [257], and then a decay because of increasing the polymer 

concentration. Moreover, the composite hydrogels would be even more resistant to 
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biodegradation [271]. Compressive moduli and pore size would also be affected by 

increasing the non‐degradable compounds’ concentration. For instance, it has been 

published that an increase in AlgMA content makes the hydrogels stiffer and reduces 

the pore size [260]. In the case of CMCMA, it seems to induce, first, a softening of 

the hydrogels, but the further increase of polymer concentration should lead to a 

stiffening effect. 

Long-term C2C12 viability and proliferation within composite 
hydrogels 

In this study, we compared the long‐term viability of C2C12 encapsulated in 

the composite hydrogels using GelMA as the positive benchmark. To study the long‐

term viability and proliferation of C2C12 cells, 5% w/v GelMA was dissolved in PBS 

buffer, with 0.1% w/v LAP and 1% w/v of either PEGDA, CMCMA, AlgMA was added 

to the polymer solutions corresponding to composites. Cells were trypsinized, and 

the cell suspension was prepared in growth medium. The biomaterial and the cell 

suspension were mixed in a 1:1 proportion, and a drop of the resulting solution was 

Figure 4.5. Scanning electron microscopy (SEM) images of (A) GelMA, (B) GelMA‐CMCMA, (C) 

GelMA‐AlgMA, and (D) GelMA‐PEGDA. The aqueous part of composite hydrogels was removed 

after critical point drying and the fibrillar structure of the hydrogel was left behind. (E) Pore size 

distribution above 200 nm in diameter and (F) their fraction of the total pore population, expressed 

as percentages (mean ± standard deviation, *p‐value < 0.05). 
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immediately placed in a previously mounted PDMS mold. The samples were 

irradiated for 5 s under UV light and allowed to swell in the growth medium. The final 

structures, after demolding, had a 6 mm diameter size and 750 µm height. 

The percentage of living cells in the hydrogels was determined using the 

live/dead staining kit at 1 and 7 days. The viability obtained in the GelMA hydrogels 

was about 80% after 1 day, in agreement with previous studies [279], and about 60% 

for GelMA‐CMCMA and GelMA‐AlgMA hydrogels. These composite hydrogels 

showed a similar slight decrease in the cell viability at day 7 (Figure 4.6A-B). The 

chemical structures of CMC and alginate do not promote cell attachment to the 

surface, so they usually show lower cell survival values [258,263]. However, in the 

composite materials, the viability was still high, and the values were similar to GelMA. 

Moreover, the percentage of living cells with respect to the total cell number 

increased after 7 days (Figure 4.6A-B). In contrast, the number of living cells in 

GelMA‐PEGDA composites decreased dramatically after 1 day, and low levels of 

Figure 4.6. C2C12 viability and proliferation in the composite hydrogels after 7 days. (A) 

Representative images of the live/dead staining (dead in red and live in green) in the range of the 

first 100 µm depth. (B) Cell viability in composite hydrogels represented as the living cells over the 

total cell number (mean ± standard deviation, **p‐value < 0.01) relative to GelMA hydrogels. (C) 

Confocal microscopy pictures of C2C12 cells inside composite hydrogels. F‐actin in green and nuclei 

in blue. Scale bar = 200 µm. 
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viable cells remained up to 7 days. These results could be explained by the low 

number of pores larger than 200 nm in the GelMA‐PEGDA hydrogels. Thus, a more 

significant number of cells remained immobilized from the first moments of 

encapsulation, and their limited spread affected cell survival and produced low 

viability values. 

We also observed that the number of dead cells increased in the deepest 

regions of the 3D structures. GelMA, GelMA‐CMCMA, and GelMA‐AlgMA had 

significant differences between the number of live cells counted within the first 100 

µm from the surface and the ones from 100 µm to 300 µm (Figure 4.6B). The porosity 

of the materials determines the diffusion of nutrients inside the hydrogel. If nutrient 

uptake is faster than nutrient renewal by diffusion of the medium inside the hydrogel, 

a lack of nutrients increases with the material depth. 

The ability of cells to attach, spread, and grow on hydrogels is important for 

tissue development  [53,280]. To assess the proliferation, cell morphology, and 

distribution in the composites, staining of F‐actin and nuclei (phalloidin and DAPI)  

was performed after 7 days. Figure 4.6C shows cells spreading inside the hydrogels. 

C2C12 cells in GelMA‐PEGDA were less spread than within the other composites, 

with slight cytoskeleton protrusions, which indicated that PEGDA impairs cell 

spreading. In contrast, in GelMA, GelMA‐CMCMA, and GelMA‐AlgMA, C2C12 cells 

were elongated inside the hydrogels and interconnected with each other. These 

results indicated that GelMA‐PEGDA was the less suitable candidate to promote 

C2C12 cell growth and spreading, compared to the pristine GelMA and those 

hydrogels containing CMCMA and AlgMA. 

Stiffer materials in 2D are known to promote cell proliferation and attachment 

[249,280]. Another critical factor is the presence of cell adhesion sequences such as 

arginylglycylaspartic acid [249]. In 2D, stiffness is a key factor, but in 3D, the porosity 

also influences cell proliferation and spreading. In our results, GelMA‐PEGDA and 

pristine GelMA had no significant Young’s moduli differences between them (Figure 

4.4C), but cell behavior in the hydrogels was the opposite. Even though GelMA‐

CMCMA composites were softer than GelMA‐PEGDA composites, proliferation and 

cell adhesion were improved in GelMA‐CMCMA. Altogether, the results were 

consistent with previous studies demonstrating that in 3D, muscular cells can spread, 

proliferate, and present better myogenesis than in less packed structures [191]. Our 
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data suggested that stiffness is not the main factor affecting cell behavior in 3D, but 

rather the critical factor is to obtain less packed structures with a good distribution of 

big pores. Here, we have obtained a library of composite materials with a good 

balance between the mechanical properties and mass transport function. As a result, 

we can choose between scaffolds with similar Young’s moduli values but with 

different pore sizes frequency. 

Composite hydrogels as a bioink for muscle tissue bioprinting 

Hydrogel patterning is widely used to align cells. Here, extrusion bioprinting 

was used to build 3D scaffolds of C2C12 embedded in composite hydrogels. A 

C2C12 cell suspension was first mixed with the prepolymer solutions. The effect on 

cell alignment inside GelMA filaments below 200 µm in width has already been 

reported [273,281]. For this reason, the mixture was introduced into a printing 

syringe, and a nozzle of ± 200 µm inner diameter was used to print the selected 

design, which consisted of several parallel filaments drawn inside a circle (Figure 

4.7A). To achieve a relevant height (about 200 µm), two layers were printed. In 

extrusion bioprinting, inner nozzle diameter, printing pressure, and rate can 

determine the width and the thickness of the printed bioink. Printing fidelity was 

evaluated as the percentage change in width compared to inner nozzle diameter 

(Figure 4.7B). After printing, filament width differed with respect to the inner nozzle 

diameter about 30%, but this fact did not impair the fabrication of isolated filaments 

(Figure 4.7C, D). With this method, bioprinted structures were successfully made 

using GelMA, GelMA‐CMCMA, GelMA‐AlgMA, and GelMA‐PEGDA. Filaments of ± 

200 µm in height and about 250 µm in width were achieved, and these could avoid 

the problem of low nutrient diffusion in thick hydrogels. 

Cells were cultured in the growth medium until high confluence was reached 

(5 days), and then, the growth medium was switched to a differentiation medium. 

After 11 days, GelMA scaffolds were nearly flat, and the structure was lost due to cell 

activity (degradation) while the composite hydrogels preserved their 3D structure. To 

observe the morphology of the cells and distribution in the hydrogels, cells were 

stained with phalloidin and DAPI, and also stained with anti‐myosin heavy chain 

(MHC), a protein overexpressed only in differentiated striated muscle. In all cases, 

C2C12 cells were able to proliferate embedded in the composites and displayed 

myotube formation (Figure 4.7E). The effect of the 3D structures on guiding cell 

alignment was confirmed by the analysis of myotube orientation (Figure 4.7G). 
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Patterned composite hydrogels exhibited unidirectional orientation of myotubes 

instead of a random, unorganized mesh, as seen in the images obtained from the 

unpatterned hydrogels (Figure 4.6C). Quantitative analysis of the cell alignment 

showed that cells in the patterned GelMA hydrogels also exhibited a high degree of 

alignment but significantly lower than in the composite hydrogels (Figure 4.7H). 

These results are in concordance with the degradability test and sustain the 

protection against degradability of composite hydrogels. Wider filaments were also 

fabricated, and it was observed that cell alignment reduced considerably in the 

filament direction (Figure S7, Supporting Information). In agreement, it has been 

reported that cells confined in GelMA hydrogels, with a geometry constraint below 

200 µm induce high cell alignment [273]. Recently, the effect of 3D scaffolds with 

anisotropic morphology on cell alignment has also been demonstrated, where more 

than 60% alignment efficacy along 14 days of cell culture was proved [281]. In 

addition, shear stress generated in the nozzle helped the polymer chains redirect 

parallel to the longitudinal axis of the bioink stream and promote the alignment of cell 

adhesion motifs. 

Confocal images showed that MHC was present in all the constructs, 

indicating that it was possible to obtain differentiated myotubes (Figure 4.7I). To 

evaluate the quality of differentiation in the patterned scaffolds, the fusion index was 

determined as the percentage of nuclei associated with myotubes compared to the 

total number of nuclei in each sample [282,283]. As expected, C2C12 fused into 

myotubes in GelMA hydrogel after 11 days of culture. GelMA‐CMCMA and GelMA‐

AlgMA also promoted myogenesis (Figure 4.7J). Furthermore, the fusion index of 

those composites was slightly higher than GelMA. As previously mentioned, GelMA 

3D structures tended to degrade after several days due to cell metabolism, making 

it difficult to find significant 3D areas comparable with the scaffolds made of 

composite materials. The fusion index corresponding to GelMA‐PEGDA hydrogels 

was similar to the other composites, although immunofluorescence images indicated 

that the number of myotubes was significantly lower (Figure 4.7J). 

After all, the applicability of these composite hydrogels in skeletal muscle 

tissue engineering has been proved. Importantly, for the first time, GelMA‐CMCMA 

composite hydrogels have been successfully used to fabricate skeletal muscle 
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constructs. Considering the adjustability of the physical properties, these composite 

hydrogels can be used in other tissue engineering applications such as heart, 

Figure 4.7. C2C12 myotube formation in bioprinted composite hydrogels. (A) Top view images 

of the bioprinted composite hydrogels after fabrication. Scale bar = 2 mm. (B) Percentage change in 

width of composite hydrogels after printing compared to nozzle inner diameter. (C) Magnification of 

the filaments containing C2C12 cells. Scale bar = 250 µm. (D) 3D structure was successfully printed 

and remained stable after swelling. Scale bar = 2 mm. (E) Confocal microscopy pictures of C2C12 

cells encapsulated in the composite hydrogel structures after 11 days of culture. F‐actin in red, MHC 

in green, and nuclei in blue. Scale bar = 200 µm. (F) Bright-field image of elongated cells 

encapsulated in composite hydrogels. Scale bar = 200 µm. (G) Normalized histograms (bin = 10°) 

depicting the distribution of the angles between cell cytoskeleton fibers (light gray) inside non‐

patterned hydrogels (dark gray), and in 3D printed hydrogels. C2C12 inside the bioprinted hydrogels 

show high degree of alignment (>75%) following the pattern direction, while inside cylinder‐shaped 

hydrogels are randomly distributed. (H) Quantitative analysis of cell alignment efficiency (mean ± 

standard deviation, **p‐value < 0.01). (I) Confocal microscopy images showing the expression of 

MHC (green) in the C2C12 myotubes inside 3D bioprinted composite hydrogels. Scale bar = 200 

µm. (J) Fusion index percentage (mean ± standard deviation, **p‐value < 0.01) of the C2C12 

myotubes encapsulated in the bioprinted composite hydrogels. 
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cartilage, or bone, as other authors have demonstrated by using GelMA and AlgMA 

[255,260]. 

4.1.4. Conclusions 

3D bioprinter technologies have emerged as a great system to fabricate 

complex tissues. Therefore, bioinks play a key role in the success of using such 

technologies. In this work, the influence of mechanical stiffness and geometrical 

confinement on the 3D culture of myoblast‐laden GelMA photocrosslinkable 

composite hydrogels was evaluated in terms of in vitro myogenesis. We fabricated 

new composite hydrogels (GelMA‐CMCMA and GelMA‐AlgMA) to print stable and 

non‐biodegradable skeletal muscle structures with tunable properties to allow high 

cell viability and myogenesis. Compared with non‐degradable previously described 

composite hydrogels, such as GelMA‐PEGDA, we obtained higher cell proliferation 

and viability. We demonstrated that the frequency and presence of pores with 

diameters larger than 200 nm (5 x 105 nm2) are crucial factors in the design of 3D 

scaffolds and 3D cell encapsulation, even in hydrogels with different stiffness. The 

use of GelMA‐CMCMA and GelMA‐AlgMA composites with bioprinting methods 

allowed us to efficiently obtain durable 3D structures of differentiated and aligned 

muscle fibers. In contrast to GelMA, they are long‐lasting materials and good 

candidates as hydrogels for in vitro applications and bioactuators. 
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4.2. Muscle-on-a-chip with an on-site multiplexed 
biosensing system for in situ monitoring of secreted IL-
6 and TNF-α 

In this work, GelMA-CMCMA was used to develop skeletal muscle 

microtissues for in vitro monitoring of muscle-secreted cytokines in a muscle-on-a-

chip device11.  The cell-laden hydrogels were fabricated using photomold patterning 

with a UV crosslinker. Using this technique, we could obtain 3D structures by 

exposing the cell-laden photocrosslinkable material to UV light through a 

micropatterned polydimethylsiloxane (PDMS) stamp. The fabrication conditions, 

such as type of photoinitiator, photoinitiator concentration, and material 

concentration, were selected according to the results obtained in our previous work 

(Chapter 4.1). The resulting micropatterned geometry acts as a topographical cue 

to confine cells and promote their alignment and fusion into myotubes. The physical 

properties of composite hydrogels fabricated under a range of UV exposure times 

were characterized. Moreover, we analyzed the viability and morphology of C2C12 

myoblasts encapsulated in these biomaterials. The UV exposure time was selected 

according to the crosslinking condition with the optimal cell morphology results. 

Aligned fibers could be observed by bright-field microscopy after six days of culture. 

The presence of long, multinucleated myotubes was confirmed by the expression of 

myosin heavy chain. Image analyses demonstrated that fibers were oriented 

following the pattern direction with a high fusion index.  

The skeletal muscle microtissues were directly fabricated inside a microfluidic 

PDMS chip. After differentiation, the 3D microtissues were either electrically or 

biologically stimulated inside the microdevice. The myokines secreted to the culture 

medium in response to this stimulation were delivered by a microfluidic network to a 

screen-printed gold electrode (SPGE) amperometric sensing system for IL-6 and 

TNF-α detection. Altogether, these results demonstrated that the muscle-on-a-chip 

biosensing system described in this work could be used to study the in vitro skeletal 

muscle metabolic response upon exercise and under the administration of a 

chemical compound. 

 

11 This work has been published as: 

Ortega M A, Fernández-Garibay X, Castaño A G, De Chiara F, Hernández-Albors A, Balaguer-
Trias J and Ramón-Azcón J 2019 Muscle-on-a-chip with an on-site multiplexed biosensing system 
for in situ monitoring of secreted IL-6 and TNF-α. Lab Chip 19 2568–80. 
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4.2.1. Introduction 

In vitro biomimetic tissue models with physiological functions can be used to 

assess biological phenomena in an easy, accurate, and controllable manner. 

Currently, in vitro tissues are useful for studying both the molecular and the cellular 

bases of physiological and pathological responses of biological processes. To this 

end, microscale fabrication technologies have emerged as useful tools in tissue 

engineering and biological applications [284]. Further, these models promise to 

replace corresponding animal experiments, which are costly, labor-intensive, and 

beset with serious ethical issues regarding their biological relevance to humans 

[285]. 

In addition, almost 40% of total body mass is skeletal muscle (SM) tissue. 

Although people associate it with strength and movement, its functions range from 

controlling facial expressions to helping respiratory and blood circulation. The 

skeletal muscle tissue contains numerous quiescent mononucleated satellite cells 

which undergo intense proliferation after tissue damage to self-repair. This capacity 

is impaired or even lost in patients with congenital defects, diabetes, cancer, and/or 

after traumatic injuries and protracted denervation [286]. According to the American 

Medical Association, there is no specialized clinical doctor for the treatment of 

muscular diseases, such as Duchenne muscular dystrophy and inflammatory 

myopathy, hence the necessity to fill the gap between muscle disorders and ad hoc 

therapies. Moreover, no or too little knowledge is present about the source and auto-

paracrine impact of cytokine release such as IL-6 and TNF-α in tissue regeneration. 

To this end, tissue engineering represents a fascinating and affordable approach to 

shed light on understanding the mechanisms and factors involved in the 

development of muscular disease. 

In addition, in the field of biomimetic tissues, the need to incorporate 

biosensing for in situ monitoring of the status or the secretion regimes of in vitro 

microtissues is increasingly recognized [287,288]. Additionally, the capability to 

miniaturize biosensor systems and advanced tissue fabrication procedures have 

enabled researchers to create multiple tissues on a chip with a high degree of control 

over experimental variables for high-content screening applications [289]. While 

recent organs-on-a-chip (OOCs) can model native-organ microstructures for 

understanding disease mechanisms, current OOCs still lack the precise temporal 

control needed to study processes such as delayed cell response to treatment and 
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chronic effects caused by long-term drug stimulation. Specifically, the difficulty arises 

when integrating the capability of stimulating the cells of interest with the capability 

of monitoring individual analytes released in situ. For example, OOCs that utilize 

Figure 4.8. Schematic overview of the configuration and function of the muscle-on-a-chip. (A) 

The flow passes through the microdevice where 3D SM tissue is electrically (ITO-IDA electrodes) or 

biologically (LPS) stimulated. The outlet flow containing the IL-6 and TNF-α goes directly to an 8-

way microfluidic distributor to reach the SPGE sensing system. A peristaltic pump generates 

negative pressures that pull the medium through the microdevice as well as the detection system 

(SPGEs). (a) Reservoir containing cell media connected with a (b) custom-made microdevice 

containing the 3D SM tissue. (c) Multiplexed high-sensitivity platform containing functionalized 

SPGEs. (B) Physical arrangement: (1) cell medium reservoir; (2) 3D engineered muscle microtissue 

cultured on the microdevice; (3) microdevice support; (4) 8-way flow distributor; (5) SPGE 

functionalized sensing system. 
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magnetic particles [290], or impedimetric sensors [285,287,288] to facilitate analyte 

detection, are either time-sensitive or unstable under changing medium composition. 

Here, we present a cost-effective integrated microdevice capable of 

simultaneous, in situ cell stimulation and analyte detection that is stable over time. 

We demonstrate this using a microdevice that targets 3D skeletal-muscle tissue 

known to release cytokines under external stimulations. With this setup, we can 

provide either electrical stimulation using indium tin oxide (ITO)-interdigitated array 

(IDA) electrodes or biological stimulation using lipopolysaccharide (LPS) solutions. 

Simultaneously, we can achieve multiplexed continual in situ measurements of 

secreted myokines using functionalized high-sensitivity screen-printed gold 

electrodes (SPGEs) (Figure 4.8). Our setup demonstrates that microfluidics 

combined with tissue engineering and biosensing is an affordable approach to 

determining the response upon external stimuli. This device can be involved in the 

study of various muscular disease progression, furthering the understanding and 

treatment of muscular metabolic disorders. 

4.2.2. Experimental procedure 

Cell culture 

Murine C2C12 skeletal myoblasts (CRL-1772, ATCC, Virginia, USA) were 

expanded in growth medium, which consisted of Dulbecco’s Modified Eagle Medium 

(DMEM high glucose, l-glutamine) (11965092, Gibco, Thermofisher, Massachusetts, 

USA) supplemented with fetal bovine serum (10% v/v, FBS) (16000044, 

Thermofisher, Massachusetts, USA) and penicillin/streptomycin (1% v/v) (15140122, 

Thermofisher, Massachusetts, USA) at 37 °C and a 5% CO2 atmosphere. To induce 

differentiation into myotubes, the medium was changed to a differentiation medium, 

consisting of DMEM high glucose, supplemented with horse serum (2% v/v) (HS) 

(26050088, Thermofisher, Massachusetts, USA) and 1% v/v penicillin/streptomycin. 

Synthesis of prepolymer precursors 

Gelatin methacryloyl (GelMA) was synthesized with a 40% degree of 

methacrylation as previously described [291]. The material was then dialyzed in Milli-

Q water with 6–8 kDa MWCO membranes (08-700-142, Spectrumlabs, San 

Francisco, USA) for 4 days. Sodium carboxymethyl cellulose (CMC) (419273, Sigma 

Aldrich Co., St. Louis, MO, USA) was methacrylated at a maximum degree of 
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methacrylation as previously described [291]. The reaction was performed by mixing 

a solution of the polymer (1% w/v) in MES buffer (50 mM, pH 6.5) with a mix of EDC 

(20 mM), N-hydroxysuccinimide (10 mM) (130672, Sigma Aldrich Co., St. Louis, MO, 

USA) and 2–aminoethyl methacrylate (10 mM) (479659, Sigma Aldrich Co., St. 

Louis, MO, USA). The reaction was stopped after 24 h with the addition of acetone 

(161007, Panreac, Barcelona, Spain) and filtered using a vacuum flask. The 

precipitate was dissolved in PBS (10 mM) and dialyzed in Milli-Q water with 3.5 kDa 

MWCO membranes (68035, Thermofisher, Massachusetts, USA). Finally, the 

solutions of methacrylated polymers (GelMA and CMCMA) were lyophilized and 

stored at −20 °C. 

Preparation of prepolymer solutions 

The prepolymer precursors (GelMA and CMCMA) were dissolved in growth 

medium containing the photoinitiator lithium phenyl(2,4,6-

trimethylbenzoyl)phosphinate (LAP) (L0290, TCI EUROPE N.V, Zwijndrecht, 

Belgium) at 65 °C for 3 h to obtain a homogeneous solution. The concentrations of 

GelMA, CMCMA, and LAP were fixed to obtain final concentrations of 5%, 1%, and 

0.1% w/v, respectively. 

Hydrogel characterization 

Swelling analysis 

The prepolymer solutions were prepared as described above. Samples for 

swelling analysis were fabricated by placing the prepolymer solution (300 μL) in a 

48-well plate. After exposing the prepolymer solution to UV light (UVP Crosslinker, 

model CL-1000L, 365 nm, 40 W, from Analytik Jena US, Upland, USA), hydrogels 

were rinsed with PBS, and their initial weight was measured. Then, the wet weight 

was determined after 1, 3, and 7 days in PBS (10 mM) after wiping with tissue paper 

to remove the excess water. To calculate the mass increase, each water content 

value was normalized with the initial weight of the sample. After day 7, samples were 

rinsed with Milli-Q water and dried. The swelling ratio, Q, of the hydrogels was 

determined by: 

𝑄 =  
𝑊𝑠 − 𝑊𝑑

𝑊𝑑

 ∙ 100 
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Here, Wd and Ws represent the weight of dried hydrogels and the weight after 

swelling in PBS, respectively. 

Mechanical analysis 

Uniaxial compression tests of hydrogels were performed using a Zwick Z0.5 

TN instrument (058993, Zwick-Roell, Berlin, Germany) with a 5 N load cell. Hydrogels 

were fabricated following the same procedure as for the swelling analysis. After 

reaching equilibrium swelling in PBS, cylindrical hydrogels were cut using a 10 mm 

diameter biopsy punch. Real hydrogel diameters and heights were measured prior 

to the experiment. Wet samples were tested at room temperature up to 30% final 

strain (deformation), using the following parameters: 0.1 mN preload force and 20% 

min−1 strain rate. Stress-strain data were obtained from force–deformation graphs 

(Figure S2A†). Values for the compressive modulus were calculated from the slope 

of the linear region corresponding to 10–20% strain. With uniaxial compressive 

testing, the testXpert software (Zwick Roell) converts the load-deformation data to 

stress-strain data using simple geometrical relationships (from measured hydrogel 

disks), and Young’s modulus E is reported [292]. For each hydrogel formulation, 

three samples were prepared, and measurements were performed in triplicate. 

Degradation analysis 

Hydrogels were fabricated as described above for the swelling analysis. The 

hydrogels were removed from the 48-well plate and left to swell for 3 days in a 6-well 

plate. A total of 3 mL of collagenase type II (0.5 U mL−1) (17101015, Thermofisher, 

Massachusetts, USA) in PBS was added to the hydrogels, and they were incubated 

at 37 °C under 100 rpm shaking conditions. Then, the hydrogels were weighed after 

1, 2, 3, 4, and 4 h. The percent of hydrogel remaining (Wr) was determined by: 

%𝑊𝑟  =  
𝑊𝑡

𝑊𝑖

 ∙ 100 

Here, Wt and Wi represent the weight of hydrogel composites at the swelling 

equilibrium and after collagenase incubation, respectively. 

Cell encapsulation in 3D micropatterns 

To encapsulate the cells in micropatterns, a photomold patterning technique 

was used [220]. For that, one volume of prepolymer solution was mixed with one 

volume of C2C12 cell suspension to obtain a final cell density of 2.5 × 107 cells per 
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mL. Then, a drop of cell-laden prepolymer (15 μL) was placed in the bioreactor well. 

A micro-structured PDMS stamp of 6 mm in diameter (Figure 4.11A) was pressed 

lightly on the top (grooves of 200 μm and 270 μm in height, and ridges of 200 μm, 

with a length of 6 mm approximately), filling the microchannels with the solution. The 

hydrogel was photo-crosslinked using a UVP Crosslinker (model CL-1000L, 365 nm, 

40 W, from Analytik Jena US, Upland, USA) with exposure times between 18 s and 

120 s. The energy dose for every time point was measured using a wireless power 

meter (model PM160 Si Sensor Power Meter with Bluetooth and USB operation, 

400–1100 nm, 10 nW–200 mW, Thorlabs, CA, USA). After carefully removing the 

stamp, the microdevice was sealed with a cover glass slide. The micro-structured 

cell-laden hydrogels were incubated inside the microdevice with growth medium for 

6 days. Then, the culture medium was switched to differentiation medium (DM) to 

promote the formation of myotubes. All subsequent experiments were performed in 

DM cell medium. 

C2C12 morphology and viability in composite hydrogels 

C2C12 cells were encapsulated in GelMA-CMCMA hydrogels at a low cell 

density (106 cells per mL) using a previously described protocol [291]. Bright-field 

microscopy images obtained after 6 days of encapsulation were analyzed using 

ImageJ software to obtain cell descriptor data of the aspect ratio and circularity of 

cells encapsulated in composite hydrogels with different exposure times. Cell viability 

was evaluated after 1, 6, and 10 days using the Live/Dead Viability/Cytotoxicity assay 

kit (L3224, Thermofisher, Massachusetts, USA). Confocal microscopy images were 

obtained and processed using a custom MATLAB software code used in our previous 

work [291]. Cell viability percentage was calculated as the fraction of living cells over 

the total cell number. 

Immunofluorescence staining 

The tissues were fixed in a formalin solution (10%) (HT501128, Sigma Aldrich 

Co., St. Louis, MO, USA) 15 days after fabrication. Then the hydrogels were washed 

with Tris-buffered saline (TBS, BR0042, Canvax Biotech, Spain). Cells were 

permeabilized with Triton X-100 (0.1% v/v) (X100, Sigma Aldrich Co., St. Louis, MO, 

USA) in TBS for 15 min and blocked with a blocking buffer consisting of Triton X-100 

(0.3% v/v) and donkey serum (3% v/v) (D9663, Sigma Aldrich Co., St. Louis, MO, 

USA) in TBS for 2 h. Afterward, tissues were washed with TBS and incubated in 

rhodamine-phalloidin 480 (100 nM) (PHDR1, Cytoskeleton Inc., Colorado, USA) 
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solution overnight to stain filamentous actin (F-actin). Additional overnight staining 

for myosin heavy chain (MHC) was performed by incubating in a solution of MF20 

Alexa Fluor 488 (5 μg mL−1) (53-6503-82, eBioscience, Thermofisher, 

Massachusetts, USA) in blocking buffer. After washing with TBS, nuclei were 

counterstained with DAPI (1 μM, D1306, Thermofisher, Massachusetts, USA) for 15 

min. Hydrogels were mounted and stored at 4 °C before observation by confocal 

microscopy. 

Microdevice fabrication 

ITO-IDA electrode fabrication 

Glass substrates with indium tin oxide (ITO) were commercial (CEC020S, 100 

nm thickness, 20 ohms sq−1, Präzisions Glas & Optik, Iserlohn, Germany), with 

dimensions of 60 mm × 60 mm × 1.1 mm of length, width, and thickness, respectively. 

The interdigitated electrodes were patterned on the ITO-glass substrates by a 

conventional photolithography procedure. Initially, the ITO glass slides were cleaned 

by a standard glass cleaning process, 5 min of sonication in DIW, acetone, and 2-

propanol in this order. Finally, the substrates were dried under N2 flow for 3 minutes. 

They then were activated using a plasma cleaner for 20 min at 6.8 W (Expanded 

Plasma Cleaner, PCD-002-CE Model, Harrick Scientific Corporation, NY, USA) and 

heated at 95 °C for 1 min using a hot plate. AZ1512Hs positive resist (MicroChemical 

GmbH, Ulm, Germany) was spun on the substrate in two steps to obtain a final resist 

thickness of 2 μm (Spinner model WS-650MZ, Laurell Technologies Corporation, 

North Wales, USA). A soft bake at 95 °C for 2 min is performed to remove solvents 

from the resist and improve adhesion. The IDA pattern was stamped on a chromium 

mask fabricated by direct lithography using a direct-write laser (DWL) machine (DWL 

66FS model, 405 nm, 50 mW, Heidelberg Instruments Mikrotechnik GmbH, 

Heidelberg, Germany). In order to transfer the mask pattern to the resist, the coated 

substrates were placed under a UV light (λ= 305–450 nm) in a UV photolithography 

mask aligner (SÜSS Microtec, Germany) at 25 mW cm−2 for 5 seconds (125 mJ 

cm−2). The patterned resist was developed for 1 min using an aqueous solution of 

the AZ400K developer (MicroChemicals GmbH, Ulm, Germany) in a 4:1 ratio and 

rinsed with distilled water followed by a hard bake at 120 °C for 1 h. Thickness was 

characterized using a profilometer (DEKTAK 6 M, Veeco Instruments, NY, USA). 

Then, a wet etching procedure was performed to etch the ITO not protected by resist. 

The substrates were submerged in a 6 M solution of an HNO3/HCl mix and heated 
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at 50 °C for 2 min. Finally, the substrates were sonicated for 5 min in acetone and 

IPA and then dried with a N2 flow. 

PDMS chip fabrication 

Silicon wafer molds were created through a two-layer process using negative 

photoresist SU8-2100 (MicroChem, Westborough, MA, USA). A microfluidic chip 

design was printed on a high-quality acetate film to be used as a mask. Finally, a 

micro featured master mold was obtained by contact photolithography. To obtain a 

polydimethylsiloxane (PDMS) fluidic chip, a mixture of the prepolymer with a curing 

agent (Sylgard 184, Dow Corning, Midland, USA) was prepared at a 10:1 ratio, 

degassed in a vacuum chamber for 1 h, and poured on the SU8 master mold. After 

overnight incubation at 50 °C, the PDMS replica was cured and carefully peeled off 

from the mold, followed by a hole punch process. Once the PDMS chip was obtained, 

a bonding step to the ITO-IDA electrode substrate was performed through oxygen 

plasma activation for 30 s at 10.5 W (Expanded Plasma Cleaner, PCD-002-CE 

Model, Harrick Scientific Corporation, NY, USA). Then the final microdevice was 

heated at 80°C for 2 h. 

Fabrication of the biosensing platform 

Chemicals and immunochemicals 

Phosphate-buffered saline (PBS) was phosphate buffer (0.01 M), potassium 

chloride (0.0027 M) and sodium chloride (0.137 M) at pH 7.2. MES buffer was 

prepared from MES hydrate salt (4-morpholineethanesulfonic acid) and adjusted to 

pH 5.0 (M5287, Sigma Aldrich Co., St. Louis, MO, USA). Purified rat anti-mouse IL-

6 (ref. 554400, clone MP5-20F3, capture antibody), biotin rat anti-mouse IL-6 (ref. 

554402, clone MP5-32C11, detection antibody), purified rat anti-mouse TNF-α (ref. 

551225, clone G281-2626, capture antibody), and biotin rat anti-mouse TNF-α (ref. 

554415, clone MP6-XT3, detection antibody) were purchased from BD Biosciences 

(Barcelona, Spain). Recombinant mouse IL-6 (ref. 200-02, 100 μg) and recombinant 

mouse TNF-α (ref. 200-31, 100 μg) were purchased from CliniSciences S.L. 

(Nanterre, France). SAv-polyHRP used in the final step was purchased from Pierce 

ThermoFisher (21140, Barcelona, Spain). For electrochemical measurements, 

citrate buffer (0.04 M, pH 5.5) (S4641, Sigma Aldrich Co., St. Louis, MO, USA) was 

used, and a substrate solution was also prepared containing TMB (0.0001%) 

(3,3′,5,5′-tetramethylbenzidine) and H2O2 (0.0004%) in citrate buffer. 
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Functionalization protocol 

To specifically capture the secreted IL-6 and TNF-α, it was necessary to first 

functionalize the surface of SPGE sensors by using a self-assembled monolayer 

(SAM). To create a uniform SAM, (20-11-mercaptoundecanoyl)-3,6,9,12,18-

hexaoxaeicosanoicacid (TH003-m11.n3-0.5, Prochimia Surfaces, Sopot, Poland) 

was used. First, the gold SPGE sensors were cleaned using a UV/ozone cleaner 

(ProCleanerTM, BioForce Nanosciences, Utah, USA) for 15 min. Afterward, an 

ethanolic solution of SH-PEG-acid (5 mM) was prepared freshly using 99.5% EtOH 

HPLC grade (161086.1211, PanReac AppliChem, Barcelona, Spain). The SAM 

formation step was made under static conditions using a PMMA static cell specially 

designed for this step (Figure S3B†). The SPGE sensor was coupled with PMMA 

cells, and 50 μL of the SH-PEG acid molecule was added into each individual 

reservoir and left overnight at RT. After SAM formation, the electrodes were rinsed 

in EtOH. In order to facilitate the linkage of protein, carbodiimide chemistry was used 

using EDC (200 mM) (E7750, Sigma Aldrich Co., St. Louis, MO, USA) mixed  1:1 

with N-hydroxysulfosuccinimide sodium salt (sNHS) (200 mM) in H2O (56485, Sigma 

Aldrich Co., St. Louis, MO, USA) and MES buffer (M5287, Sigma Aldrich Co., St. 

Louis, MO, USA). Once activation was performed, capture antibody (100 μL) in PBS 

buffer was added and incubated for 2 h at RT. Afterward, two washes with PBS (10 

mM) were performed, and the electrodes were passivated using PBS (10 mM, 1% 

BSA) for 1 h at RT to avoid non-specific binding. The SPGE electrode was implanted 

under microfluidic conditions throughout all the experiments. As a final step, the 

SPGE electrode was removed and placed into a static PMMA cell to be processed. 

At this point, binding of secondary biotinylated antibody was performed, followed by 

the addition of SAv-polyHRP, both steps for 1 h at RT. Finally, the SPGE electrodes 

were connected to the potentiostat, and the amperometric signal was recorded. 

Electrical stimulation was performed using a wave generator (200 MHz multifunction 

generator, WF19478, NF Corporation, Yokohama, Japan) connected to a 

microdevice using metallic connections assembled to it. To evaluate the accuracy in 

our experiments, blind spiked samples were prepared in DM and measured directly 

using our optimized immunoassays. The accuracy for both immunoassays was 

evaluated by establishing a linear regression between spiked and measured values. 

Analyses were made in triplicate. 
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Amperometric detection measurements 

Amperometric measurements were performed with a μSTAT 200 potentiostat 

(Metrohm-Dropsens, Herisau, Switzerland). Screen-printed gold electrodes (SPGEs) 

(Au DRP-220AT, Metrohm-Dropsens, Herisau, Switzerland) consisting of a 4 mm 

smooth working electrode, an Au counter electrode, and a Ag pseudo-reference 

electrode were used. A flow cell (DRP-FLWCL, Metrohm-Dropsens, Herisau, 

Switzerland) for SPGE was used together with the microdevice for the experiments 

under flow conditions. To integrate both systems and control the delivery of the cell 

medium containing the secreted myokines to the SPGE sensors, we used an 8-way 

flow and pressure control microfluidic distributor (part no. 001103, Kinesis, 

Cambridgeshire, UK). The peristaltic pump used in the experiments was coupled with 

a multi-channel pump-head, allowing 8 independent parallel tubing setups (Model 

MCP Process, Cole-Parmer GmbH, Wertheim, Germany). The microfluidic tubing 

used in all processes was made of PTFE with dimensions of 1/16′′ OD × 1/32′′ ID 

(Darwin Microfluidics, Paris, France). Once detection was performed, amperometric 

signals were measured at an applied potential of −0.20 V vs. the Ag pseudo-

reference electrode for 250 s. The amperometric signals were acquired under static 

conditions using the static PMMA cell. The recorded signal was the mean value of 

the current obtained in the last 10 s when the steady-state was reached. The specific 

signal produced for detecting proteins is translated by the difference between the 

original base of the citrate buffer and the signal obtained when the substrate solution 

is added. The intensity registered due to this electron transfer is directly related to 

the amount of HRP and, consequently, with the concentration of the IL-6/TNF-α of 

the analyzed sample through calibration curves [293]. Cyclic voltammetry (CV) 

measurements were carried out after deposition of [Fe(CN)6]3−/4− (50 μL, 5 mM) 

redox probe solution onto the surface of the modified Au electrode. CV in the range 

of −0.25 to 0.50 V at a scan rate of 100 mV s−1 was used to monitor the SAM 

formation on the gold electrode surface. 

Statistical analysis 

Statistical analysis was performed using Graph Prism software (GraphPad 

Software, San Diego, CA, USA). All data collected were presented as the mean ± 

standard deviation (SD). Continuous variables were analyzed using the Kruskal–

Wallis rank test. When significant, post hoc tests for continuous variables were 
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performed among groups using the Mann–Whitney test. p values <0.05 were 

considered statistically significant. 

4.2.3. Results and discussion 

Description of the integrated platform 

In the recently emerged field of organ-on-a-chip, the need to incorporate 

biosensing for in situ monitoring of the status or metabolic behavior of biomimetic 

organs is increasingly being recognized. In order to fill this gap, we have developed 

an integrated platform constituted by a custom-made microdevice hosting a skeletal 

muscle microtissue coupled with a functionalized SPGE biosensing system for high-

sensitivity detection of secreted factors such as IL-6 and TNF-α. 

The cell medium reservoir containing 20 mL of DM cell medium (Figure 

4.8Aa) is connected with a miniaturized device containing the 3D muscle 

microtissue, forming the “muscle-on-a-chip.” The microdevice is formed by 

combining an ITO-IDA electrode substrate with a polydimethylsiloxane (PDMS) 

microfluidic chip (Figure 4.8Ab). On top of this system, the skeletal muscle cells 

embedded in the composite hydrogel are patterned by a molding technique and left 

to grow, fuse, and differentiate until 3D-aligned muscle fibers are obtained. Inside 

the microdevice, 3D microtissue is exposed to either electrical stimulation (from ITO-

IDA electrodes) or biological stimulation (addition of LPS to DM cell medium). 

As a consequence of either form of stimulation, myokines are secreted from 

the construct to the cell medium and are delivered by a microfluidic network to a 

highly sensitive SPGE amperometric system (Figure 4.8Ac). The SPGEs are 

functionalized with selective monoclonal antibodies before assembly into the 

microdevice. Finally, the cell medium delivers secreted myokines directly onto the 

SPGE sensors. This system is optimized to prevent dilution of the sample, avoiding 

further manipulation by the operator. The capture of these analytes (myokines) 

produces changes in amperometric signals, which are directly related to 

concentration. Negative pressures are applied to the whole system using a peristaltic 

pump. Our custom-designed microfluidic platform fits in a shelf of standard 

incubators (Figure 4.8B). 
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Muscle-on-a-chip integrated with an on-site multiplexed sensing 
system for in situ monitoring of secreted myokines 

Muscle-on-a-chip 

As a proof-of-concept, we choose a model based on skeletal muscle (SM) 

tissue, known as a secretory organ. Our target SM tissue is fabricated inside the 

microdevice, enabling not only the renewal of nutrients but also the electrical stimuli 

to induce tissue contraction. To fabricate the microdevice, we performed a 

photolithography procedure to obtain an array of ITO-IDA with reference electrodes 

on a glass substrate for tissue electrical stimulation. The dimensions of the whole 

device are 60 mm × 60 mm. The size of the ITO-IDA arrays is 220 μm × 110 μm × 

0.1 μm for height, width, and thickness, respectively (Figure S1A†). The miniaturized 

chip is built of PDMS placed on top of the ITO-IDA electrodes (Figure 4.9A). The 

microdevice was designed and fabricated to be used and integrated with 

biocompatible materials such as gelatin methacryloyl (GelMA), which provide an 

optimal cell environment. This platform presents high compatibility with standard 

sterilization protocols. On the other hand, using a microfluidic network provides low-

volume consumption (<1 mL), ensuring good nutrient exchange with the SM 

microtissue. The microdevice is also integrated with interdigitated electrodes set for 

the electrical stimulation of the microtissue, mimicking an in vitro exercise model 

(Figure 4.9A). 

The size of the interdigitated electrodes is 50 μm with a gap of 50 μm between 

electrodes. To simulate the intensity and penetration of the electrical field generated 

by the electrode array, we used COMSOL Multiphysics® software with an AC/DC 

module. As we expected, the electric current was inversely proportional to the size 

of the gap between electrodes (Figure S1B†) [294]. We concluded that the 50 μm × 

50 μm × 0.1 μm electrode dimensions represent a good compromise between 

electrical field cell tolerance and penetration through the microtissue construct [295]. 

To stimulate the cells, we set the limit of 1 Hz/5 V to avoid electrode overburn [296]. 

To design the PDMS microfluidic chip, we used computer-aided design (CAD) 

software followed by fabrication with a soft lithography technique. After fabrication, 

we covalently bonded the PDMS chip on top of the ITO-IDA electrodes through an 

oxygen plasma process (Figure 4.9A). The PDMS chip contains two round wells of 

10 mm diameter connected with microchannels of 1 mm height and 0.2 mm width 
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each. The inlet and the outlet were fixed at 2 mm diameter; the electrical pin 

connectors are fixed at 4 mm (Figure S1C†). 

To explore the characteristics of the device, we performed theoretical 

simulations using COMSOL Multiphysics® software (fluid flow module). We used a 

stationary physics study of various flow rates (from 104 to 10 μL min−1) to study the 

flow behavior within the microchannels. As expected, the flow velocity mirrored the 

flow rate since the microchannel cross section (Ø = 0.2 mm2) was fixed (flow rate = 

cross section × velocity). The negative pressure gradient from the outlet to the inlet 

was proportional to the flow rate (Figure S1D and E†). To evaluate the flow velocity 

and dynamics within the microchambers, we included rectangular prisms (grooves) 

simulating the 3D muscular microtissue. At higher pressure, the fluid escaped 

towards the wall of the circular chamber, where less resistance is encountered 

Figure 4.9. Design and fabrication of the microdevice. (A) Schematic image shows the assembly 

elements and microdevice. (B) COMSOL Multiphysics® simulation of flow velocity and dynamics 

through a microfluidic network. Various simulations were performed with velocities ranging from 104 

to 1 μL min−1. Black lines inside the chamber represent the 3D muscle microtissue. 
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compared with the interspace between the grooves (Figure 4.9B, zoom). According 

to our flow-dynamics simulations in Figure 4.9B, we chose 50 μL min−1 as a working 

shear flow where random fluid motion and shear stress are minimized. This velocity 

represents the experimental condition where both nutrient diffusion (laminar flow) 

and microtissue stability (liquid pressure) are optimized. This condition was made 

possible by fabricating a 3D SM microtissue inside our microdevice using tissue 

engineering techniques. 

Once we had optimized the working conditions of our microdevice, we 

fabricated a 3D microarchitecture of the native SM tissue using photopolymerized 

GelMA hydrogel. Because GelMA-based hydrogels can be degraded by cell 

metabolism affecting the spatial and physicochemical properties, we added non-

biodegradable methacrylate carboxymethyl cellulose (CMCMA) to obtain a hydrogel 

composite (Figure 4.10A) [291]. To characterize the physical and mechanical 

properties of GelMA and GelMA-CMCMA, we first exposed them to UV light (365 

nm) for 18, 24, 30, 60, and 120 seconds. Energy dosage was directly measured with 

a wireless power meter inside the UVP crosslinker chamber, obtaining energy values 

of 0.30, 0.37, 0.48, 0.96, and 2.1 J (W s) for 18, 24, 30, 60, and 120 s, respectively. 

We found that at longer UV light exposure times, the stiffness of both hydrogels 

Figure 4.10. (A) Gelatin methacryloyl (GelMA) and carboxymethyl cellulose methacrylate (CMCMA) 

chemical structures. (B) Mechanical characterization of composite hydrogel GelMA-CMCMA and 

comparison with only GelMA. (C) Matrix degradation study of GelMA and GelMA-CMCMA hydrogel 

exposed at different UV times. Data from three different experiments (mean, SD): **p < 0.01; ***p < 

0.001. 
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increased (from 0.2 to 1.6 kPa and 0.3 to 3.9 kPa, respectively (Figure 4.10B). 

However, GelMA-CMCMA showed a significantly higher compression modulus than 

GelMA alone, particularly after 30 seconds of exposure. As expected, we found that 

the swelling ratio was inversely correlated with stiffness (Figure 4.10B). This can be 

explained by the fact that the longer UV exposure led to an increase in hydrogel 

crosslinking and a decrease in pore size and water uptake. The magnitude of the 

change in H2O uptake is higher in GelMA-CMCMA compared with GelMA alone (from 

283 to 58 and from 46 to 18, respectively) (Figure 4.10B). Moreover, the presence 

of CMCMA made the hydrogel more resistant to enzymatic degradation compared 

with hydrogel without CMCMA (Figure 4.10C). From these results, we chose GelMA-

CMCMA both for its stability (high stiffness and low enzymatic degradation) and its 

improved water absorption property (high swelling ratio). The composite hydrogel 

used to recreate the 3D structure had a stiffness range between 1 and 3 kPa, known 

to enhance C2C12 3D differentiation [185]. The addition of CMCMA to the hydrogel 

amplified either the stiffness or the water absorption (high swelling ratio), which are 

important factors in cell differentiation and nutrient diffusion inside the polymer 

(Figure 4.10B). Moreover, CMCMA increased the enzymatic degradation resistance, 

which has a significant impact on experimental variability. 

To build the encapsulated 3D SM microtissue inside the composite hydrogel, 

we used a photomold patterning technique. This approach presents numerous 

advantages such as cost-effectiveness and non-surface dependence and allows fine 

control over cell alignment, elongation, and maturation without any external stimuli, 

e.g., mechanical stretch. First, we used a SU-8 mold, fabricated by a 

photolithography process, to shape the PDMS stamp. Second, the cell-laden 

hydrogel was micropatterned with the PDMS stamp by UV light exposure (Figure 

4.11A). We incubated the formed 3D SM microtissue in cell medium for 6 days to 

allow the cells to adapt to the new settings and stimulate further propagation. At this 

point, the growth medium (10% fetal bovine serum) was replaced with differentiation 

medium (2% horse serum). 
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We compared the cell viability of encapsulated cells with 24 s and 60 s of UV 

exposure. As expected, we observed viable cells throughout the microstructure with 

24 seconds of UV exposure at 1, 6 and 10 days of culture compared with 60 seconds 

(96 ± 3, 87 ± 6, 92 ± 4% and 80 ± 9, 83 ± 7, 86 ± 7%, respectively) (Figure S2B†). 

Moreover, the UV light exposure time of 24 s presented the best cell morphology 

score, defined by the high aspect ratio (2.149 ± 0.970) and low circularity (0.366 ± 

0.188) (Figure 4.11B). Therefore, we fixed 24 s as the optimal exposure time for the 

subsequent experiments. Using bright-field microscopy, we observed the 

homogeneous distribution of the cells at day 1 (24 h post-fabrication) (Figure 4.11C). 

Figure 4.11. Fabrication and characterization of 3D muscle microtissue. (A) Schematic view of 

the photomold patterning technique used to fabricate the skeletal muscle microtissue. (B) Cell 

morphology evaluation (circularity and aspect ratio) at different UV exposure times. (C) Bright-field 

characterization of skeletal muscle cells embedded in 3D composite hydrogel. Dashed lines at 10 

days indicate muscular fibers. Black arrows at days 6 and 10 indicate the myotube formation. Scale 

bars: 200, 100 and 50 μm, top, middle and bottom panel, respectively. 

Figure 4.12. (A) Immunostaining for 3D skeletal muscle microtissue for non-patterned (control) and 

microstructured hydrogels evaluated by phalloidin (red) staining. Cell differentiation was assessed 

by MHC staining (green). Nuclei were stained by DAPI. Scale bars: 200 μm (B) and (C) cell 

orientation and fusion index characterization for non-patterned vs. microstructured 3D skeletal 

muscle tissue. Data from three different experiments (mean, SD): *p < 0.05, **p < 0.01; ***p < 0.001. 
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Progressive cell alignment and elongation towards myotube formation are visible at 

day 10 (black dashed lines and arrows, Figure 4.11C). 

To assess the cell differentiation and maturation, we stained cells with F-actin 

and myosin heavy chain (MHC), respectively. The F-actin stain showed cell 

elongation and alignment at day 10 throughout the entire thickness of the 3D muscle 

microtissue compared with random myotube distribution in the non-patterned control 

group (Figure 4.12A). We found that the 3D microgrooves restrict the degree of cell 

alignment between 0° and 15°, whereas the non-patterned cells are randomly 

distributed, showing cell alignment ranging from 0 to 90° (Figure 4.12B). 

Furthermore, the 3D muscle microtissue enhanced myotube maturation and cell 

fusion compared with the 3D non-patterned cells assessed by MHC staining and the 

fusion index (75 ± 7% (patterned) vs. 50 ± 3% (non-patterned), p < 0.001, Figure 

4.12C). We note that the exposure of the microstructure to UV light for 24 seconds 

enables precise control of cellular organization in 3D and promoted cell myogenic 

differentiation and maturation. This in vivo-like structure enhanced cell organization 

with a positive impact on cell viability and function for up to 10 days of culture. Longer 

UV light exposure of 60 s increased the stiffness of GelMA-CMCMA, reducing cell 

spatial organization, but did not affect the viability (Figure S2A†). The control of the 

hydrogel microgeometry (microgrooves) is the main factor that improves cell 

maturation and alignment, pushing engineered tissue one step closer towards the 

creation of functional in vitro tissue [297]. 

On-site multiplexed sensing system 

After fabrication and characterization, the muscle-on-a-chip was connected to 

a high-sensitivity cytokine biosensing system (Figure 4.13A-B) to monitor the 

release of myokines. In this work, the medium flow coming from the 3D SM tissue 

passes through the on-site multiplexed sensing system (Figure 4.8B, number 5). 

The commercial SPGEs, where we previously immobilized antibodies against IL-6 

and TNF-α, bind the cytokines present in the medium. Once the binding is performed, 

the SPGE electrodes were finally located in the static PMMA cell, and the secondary 

antibody and enzymatic tracer were added. The enzymatic reaction produces 

changes in the electrode current density on the surface directly related to the amount 

of cytokines detected by the primary antibody. 
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For signal transduction, we chose commercial SPGEs because of their 

numerous advantages such as favorable electron transfer kinetics, good stability, 

and convenient covalent bonding with functional groups such as thiol-containing 

molecules (through the formation of gold (Au)–SH bonds). For detection of secreted 

myokines in cell medium, the surface of SPGEs was used to anchor IL-6 and TNF-α 

antibodies. To assess the full coverage of the SPGE surface by the SAM, we used a 

cyclic voltammogram technique [298]. Briefly, the bare electrode (no SAM layer) 

showed the typical voltammogram characterized by cathodic and anodic current 

Figure 4.13. On-site multiplexed sensing system description and characterization. (A) 

Schematic representation of steps for sandwich immunoassay as detection mechanism. (B) 

Biosensing system physical arrangement: (1) PMMA microfluidic cell cover; (2) SPGE functionalized 

electrode; (3) stainless steel electrode support case; (4) cell detection chamber coupled with 

microfluidic connectors; (5) potentiostat. (C) and (D) Raw amperometric signals and calibration 

curves performed in differentiation medium and under fluidic conditions for IL-6 and TNF-α. Curves 

show limits of detection of 8 ng mL−1 and 2 ng mL−1 for IL-6 and TNF-α, respectively. 



RESULTS 

154 
 

peaks for a reversible reaction (dashed line in Figure S3A†), whereas with the SPGE 

surface with a monolayer of SH-PEG-acid, a decrease in the current is observed due 

to the blocking properties of the monolayer (blue curve in Figure S3A†). 

The SH-PEG-acid was activated using the EDC/NHS reaction followed by the 

covalent immobilization of primary IL-6 and TNF-α antibodies. To detect cell-secreted 

myokines, we used a sandwich immunoassay that involves exposure to biotinylated 

primary antibodies followed by the streptavidin–horseradish peroxidase (HRP) 

complex (SAv-polyHRP). The HRP-catalyzed 3,3′,5,5′-tetramethylbenzidine (TMB) 

reaction is recorded via amperometric signals (Figure 4.13A). The on-site 

multiplexed sensing system for each cytokine is constituted by 5 parts: (1) polymethyl 

methacrylate (PMMA) microfluidic cell cover; (2) SPGE functionalized electrodes; (3) 

stainless steel electrode support case; (4) cell detection chamber coupled with 

microfluidic connectors; (5) potentiostat (Fig. 4.13B). Before connecting this sensing 

system to the muscle-on-a-chip through an 8-way flow distributor, we optimized the 

immunoassay parameters one by one. 

First, we performed enzyme-linked immunosorbent assays (ELISAs) to 

validate the two commercial antibodies used in this study. We observed a limit of 

detection (LOD) of 0.031 ± 0.010 ng mL−1 with a slope of 0.726 ± 0.008 and LOD of 

0.060 ± 0.020 ng mL−1 with slope 0.498 ± 0.012 for IL-6 and TNF-α, respectively 

(Figure S3C†). Second, we validated the primary antibody anchorage on the SH-

PEG-acid/Au surface using a static PMMA case (Figure S3B†). Here, we observed 

a saturation plateau at 1.5 and 10 μg mL−1 for IL-6 and TNF-α, respectively (Figure 

S3D†). Third, the optimal concentrations of secondary biotinylated antibodies found 

were 5 and 40 μg mL−1 for IL-6 and TNF-α, respectively (Figure S3E†). Figure S3F† 

shows the optimal attachment kinetics of the SAv-polyHRP to the secondary 

antibody at 1 μg mL−1 for both systems. We set at 160 s the time of HRP-catalyzed 

TMB oxidation. Finally, these optimized values were used in the later determination 

of calibration curves, which represent the working conditions to obtain the lowest 

LOD. Calibration curves under fluidic conditions showed a LOD of ∼8 ng mL−1 and 

∼2 ng mL−1 with effective concentration 50 (EC50) of ∼78 ng mL−1 and ∼20 ng mL−1 

for IL-6 and TNF-α, respectively, with no matrix effect and a high signal/noise ratio 

(Figure 4.13C-D). Moreover, four-parameter logistic regression of the data showed 

slopes and R2 of 0.92 ± 0.39 (mean ± SD) and 0.8386 for IL-6 and 1.04 ± 0.31 and 

0.9497 for TNF-α. Previous experiments demonstrated no cross-reactivity between 
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IL-6 and TNF-α (data not shown). Both assays showed a satisfactory accuracy (slope 

close to 1, Figure S3G†). 

To note, a few examples can be found in the literature that incorporate a 

microfluidic platform with a biosensing system to study the metabolism of various 

tissues [287,288]. For instance, the use of non-label transduction in the case of the 

impedance allows simple acquisition, but in this case, without an enzymatic 

amplification, the technique is less robust and very sensitive to changes in medium 

composition, especially with high ionic buffers. On the other hand, magnetic particles 

offer an easy system to regenerate the sensors, but the number of possible 

acquisitions is reduced, and only daily measurements can be performed, which is 

not informative enough for metabolic studies. The transduction system used in this 

study was not affected by any medium under investigation and was successfully 

employed as an in vitro model of exercise where electrical stimulation with several 

measures per hour was needed. 

In situ monitoring of secreted myokines upon electrical and 
biological stimulation 

For the final part of this study, the microdevice, the 3D muscle microtissue, 

and the on-site multiplexed sensing system were assembled through a microfluidic 

network to measure the release of factors upon electrical and biological stimulation. 

SM tissue has been identified as an endocrine organ that produces and releases 

cytokines, which have been named myokines [85]. These compounds such as IL-6 

and TNF-α play important roles in biological processes such as energy metabolism, 

angiogenesis, myogenesis, and muscle repair [299–302]. 

The system is assembled through a microfluidic network, as can be seen in 

Figure 4.8A-B. The flow passes through the chip where the 3D SM tissue is 

electrically or biologically stimulated. The outlet flow goes directly to an 8-way 

microfluidic distributor to reach the SPGE sensing system. A peristaltic pump 

generates negative pressures that pull the medium to the SPGEs. After binding, the 

SPGEs are removed and processed separately. 

The focal points of this work were the investigation of the source and secretion 

regime of IL-6 and TNF-α either in muscle stress or during the inflammatory process. 

Firstly, to find the most responsive biological stimulus for IL-6 and TNF-α secretion, 

2D monolayers of differentiated myotubes were incubated in cell culture plates with 
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caffeine, dexamethasone, and LPS [303–305]. After determining the cytokine 

secretion levels by ELISA, LPS, caffeine, and dexamethasone showed the highest 

release of IL-6 in the medium, whereas similar values among the conditions were 

obtained with TNF-α release (Figure S4A†). TNF-α values did not show significant 

changes under all the treatments (Figure S4B†). According to these results, LPS 

was used as a biological agent to induce cytokine release in our integrated sensing 

system. 

We performed continual electrical stimulation using a wave generator 

connected with the muscle-on-a-chip through electrical pins operating at 5 V (peak-

peak) at a frequency of 1 Hz with a width of 2 ms for 60 min. We measured the 

release of myokines every 15 min (switching the 8-way flow distributor) during 1 hour 

of stimulation phase followed by 1 hour of relaxation phase (i.e., without stimulation). 

The control group did not receive any electrical stimulation. Figure 4.14 shows the 

monitoring of IL-6 and TNF-α concentrations at each period for both stimulation 

regimes. With this fast acquisition system, we detected up to 1 μg mL−1 for IL-6 and 

10 ng mL−1 for TNF-α in DM during the relaxation time after the electrical stimulus 

was ended (mimicking exercise training) (Figure 4.14A). Figure 4.14B 

Figure 4.14. IL-6 and TNF-α detection by in situ monitoring upon either (A) electrical stimulation 

(cycle 5 V/1 Hz for 105 min, with a 15 min interval) or (B) LPS stimulation (10 μg mL−1) for 48 hours 

of 3D cultured skeletal muscle cell. 
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demonstrates the release of myokines after supplementation of the medium with 10 

μg mL−1 LPS for 48 h. In the case of IL-6, the maximum detectable peak was reached 

within 1 hour of stimulation, and then it remained almost constant. IL-6 

concentrations over 2.5 μg mL−1 were detected (∼3 pg mL−1 per cell, calculated using  

an estimation of 840 000 encapsulated cells per microdevice, Figure S4C†) after 1 

hour of LPS addition. Conversely, we observed a slow but constant increase of TNF-

α throughout all the experiments, reaching over 50 ng mL−1 (∼0.07 pg mL−1 per cell, 

calculated using an estimation of 840 000 encapsulated cells per microdevice, 

Figure S4D†) in 48 hours (Figure 4.14B). 

Here, we have demonstrated that the secretion of these cytokines in 

engineered SM is regulated by exercise stress. The study of SM metabolism lies in 

the timing of the release of those factors, which took place 15 min after the end of 

electrical stimulation. Even more interesting is the quicker and higher release of 

these factors from cells as a consequence of LPS stimulation compared with 

electrical stimulus only (∼2 times for IL-6 and TNF-α at 1 hour of stimulation) (Figure 

4.14B). These facts might reshape the role of SM cells in response to bacterial toxins. 

As such, the development of this novel technology applied to this particular system 

represents a further and important step for the development of biomimetic muscle 

platforms to monitor skeletal muscle cytokine functions for quantitative exploration of 

inflammatory and regenerative processes strongly interconnected with myopathy 

disease. Nevertheless, promising applications in other organ systems (individually or 

combination or various) are open to better understanding the biological mechanisms 

needed for a continual in situ monitoring of secreted factors. 

In addition, IL-6 and TNF-α are pleiotropic cytokines with multiple effects on 

immune and non-immune cells. Among those effects, these myokines can play an 

important role in regulating protein and glucose metabolism during tissue injury. In 

the case of SM cells, these soluble factors are a fast way of communication not only 

between the cells of the same organ but also between the cells of different organs. 

This platform can help us to understand the magnitude and the timing of response 

upon different chemical and physical stimuli in order to identify a window for therapy. 

4.2.4. Conclusions 

We have developed an innovative, cost-effective platform capable of 

simultaneous, in situ cell stimulation and analyte detection over time. Our custom-
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made microdevice was fabricated and used to host a mature and highly aligned SM 

tissue obtained using GelMA-CMCMA hydrogels. This 3D in vivo-like tissue, known 

to release cytokines under external stimulations (electrical stimulation using ITO-IDA 

electrodes or biological stimulation supplementing cell medium with LPS), was 

combined with a highly controlled flow platform and integrated with a high-sensitive 

in situ sensing system. We functionalized our sensing system with the purpose of 

achieving multiplexed continual in situ measurements of secreted myokines. This 

unique approach allowed us to detect the release of two important cytokines such as 

IL-6 and TNF-α, from 3D muscle tissue. We conclude that skeletal muscle cells can 

express and release these factors in response to electrical stimuli and LPS 

administration. We are currently working on optimizing this platform for in-depth 

investigation of the myogenic process and inflammatory response. This revolutionary 

technology can be exported to any laboratory environment and can have a huge 

impact on the drug screening process. 
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4.3. Bioengineered in vitro 3D model of myotonic 
dystrophy type 1 human skeletal muscle 

This work describes the first in vitro 3D model of myotonic dystrophy type 1 

(DM1) human skeletal muscle12. DM1 is a rare neuromuscular disease that currently 

has no cure. The disease model was developed with transdifferentiated myoblasts 

derived from a DM1 patient’s fibroblasts. The skeletal muscle microtissue fabrication 

protocol from Chapter 4.2 was optimized to encapsulate these human cells in 

GelMA-CMCMA hydrogels. Briefly, the width of micropatterned filaments was 

reduced to 100 µm to enhance cell alignment and fusion. In addition, cell-laden 

hydrogels were fabricated on top of PEGDA-coated cover glass to reduce the 

unwanted 2D cell attachment to the substrate.   

The biofabrication protocol was highly biocompatible; therefore, cell viability 

remained high after encapsulation in soft hydrogels. In addition, the DM1 cells 

presented molecular alterations detected in patient biopsies. Cells were cultured for 

up to three weeks, resulting in aligned multinucleated myotubes from healthy 

(control) and DM1 cells. We showed that micropatterning improved DM1 myotube 

formation compared to standard 2D cell cultures, in which DM1 myoblast fusion is 

not efficient. Notably, the analysis of 3D reconstructions resulted in detecting a new 

structural phenotype, the reduced thickness of DM1 myotubes compared to healthy 

control myotubes. Therefore, we evaluated the therapeutic effect of antagomiR-23b 

on bioengineered DM1 skeletal muscles. We demonstrated that antagomiR 

treatment for miR-23b could rescue both molecular DM1 hallmarks and structural 

phenotype, restoring myotube diameter to healthy control sizes with these proof-of-

concept experiments. Overall, we showed that this new 3D model represents an 

improvement over conventional cell culture. Thus, the bioengineered human DM1 

skeletal microtissues can be used to test drug efficacy at preclinical levels. 

 

 

12 This work has been published as: 

Fernández-Garibay X, Ortega M A, Cerro-Herreros E, Comelles J, Martínez E, Artero R, 
Fernández-Costa J M and Ramón-Azcón J 2021 Bioengineered in vitro 3D model of myotonic 
dystrophy type 1 human skeletal muscle. Biofabrication 13 035035. 
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4.3.1. Introduction 

The skeletal muscle tissue is one of the largest organs of the human body, 

and it is crucial for locomotion, thermogenesis, and metabolism maintenance [76]. 

This tissue can be affected by several neuromuscular or metabolic disorders, such 

as myasthenia gravis [102], McArdle disease [103], type 2 diabetes [80,306], and 

muscular dystrophies [104]. Muscular dystrophies are genetically inherited 

degenerative disorders for most of which there is no cure to date. These disorders 

share muscle weakness and wasting as common symptoms; however, muscular 

dystrophies are very heterogeneous, differing in age of onset, rate of progression, 

inheritance pattern, and type of muscles that are affected [104–106]. The intrinsic 

heterogenicity of these diseases makes the development of new therapies especially 

challenging since it is expected that each patient would have a different response to 

treatments. 

Drug development for new muscular dystrophy therapies usually involves the 

use of in vitro cell culture assays and in vivo animal models in phases before clinical 

trials. These strategies have long contributed to drug discovery by analyzing specific 

features of biological processes and identifying the molecular causes of certain 

diseases [8]. Still, both have significant shortcomings that make it challenging to 

obtain physiologically relevant results for humans. For instance, conventional in vitro 

models involve 2D cell monolayers cultured on flat and rigid substrates. These 

models do not emulate the complexity of real tissues, which have a three-

dimensional (3D) structural organization of cells surrounded by each other and an 

extracellular matrix [14]. On the other hand, functional 3D tissues representing tissue 

physiology can be found in animal models. The use of animal models in 

pharmacological research raises several ethical concerns. Moreover, in vivo models 

often fail to predict the clinical efficacy of drugs. This is due to species-specific 

differences that limit the extrapolation of animal data to human conditions [16]. It has 

been estimated that following this drug development pathway, only 11.8% of drugs 

entering clinical trials become approved, generating a cost of billions of dollars for 

newly authorized drugs [17,18]. To accelerate preclinical research, in vitro studies 

could be complemented by human 3D culture systems. These in vitro systems 

consist of patient-derived bioengineered skeletal muscle tissues that offer a better 

representation of the environment of living tissues with a particular 3D architecture 

[307]. 
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Skeletal muscle architecture is characterized by bundles of aligned muscle 

fibers (myofibers). These fibers are formed by the fusion of muscle precursor cells 

(myoblasts) into multinucleated myotubes, which later become mature myofibers 

[68]. Because of this complex architecture, engineering skeletal muscle tissues 

requires a specific organization of muscle precursor cells. These are usually 

embedded in a suitable biomaterial scaffold, promoting differentiation of myoblasts 

to form aligned myotubes [179]. Moreover, the biomaterial should provide cells with 

an appropriate 3D growth environment, optimal oxygen levels, effective nutrient 

transport, and mechanical integrity over an extended culture period [14]. Hydrogels 

of natural origin, such as collagen, gelatin, or fibrin, have been widely used as 

biomaterial scaffolds for engineered skeletal muscle [180]. This is due to their high 

water content and the presence of cell adhesion and degradation motifs, which allow 

cell growth and matrix remodeling. Among these hydrogels, gelatin methacryloyl 

(GelMA) and other methacrylated biomaterials have been used to encapsulate cells 

in defined 3D structures due to their photocrosslinkable properties [308]. Also, these 

hydrogels can further be combined with non-degradable biomaterials, such as 

alginate or carboxymethyl cellulose. The addition of these polysaccharides to GelMA 

composite hydrogels enhances their mechanical properties and supports long-term 

culture of myotubes [249,291,309]. 

In this work, we focused on developing the first bioengineered 3D model of 

myotonic dystrophy type 1 (DM1) human skeletal muscle tissue. DM1 is a life-

threatening and chronically debilitating disorder, which is the most common 

hereditary myopathy in adults (for a recent review of DM1 hallmarks, see [115]). The 

genetic cause of DM1 is a dynamic mutation that expands the cytosine-thymine-

guanine (CTG) triplet repeat in the 3' non-translated region of the Dystrophia 

Myotonica Protein Kinase (DMPK) gene [119]. Cytosine-uracil-guanine (CUG) repeat 

RNAs accumulate in nuclear foci. This mutant DMPK RNA causes toxic gene 

misregulation events at the level of gene expression [121,122], translation [123], 

gene silencing [124–126], alternative splicing [128–130], and polyadenylation of 

subsets of transcripts [131]. Muscleblind-like (MBNL) proteins, a family of alternative 

splicing regulators, are sequestered in these CUG foci, and concomitantly their 

molecular function is impaired [132]. This results in abnormal alternative splicing 

events directly related to several disease characteristic symptoms, such as muscle 

weakness and hyper contraction. 
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Although significant advances have been made in studying the molecular 

causes of DM1, there is still no effective treatment for patients. Animal models, such 

as mouse [134], fly [135–137], and zebrafish [138], have been used to evaluate 

different therapeutic candidates [110,113,139–141]. Among these, therapeutic gene 

modulation is a promising strategy that has the objective of regulating the 

endogenous expression of a gene to mitigate a certain disease [143]. Following this 

approximation, it has been demonstrated that microRNAs (miRs) that inhibit MBNL 

translation can be silenced by antisense oligonucleotides (antagomiRs). Concretely, 

specific blocking of miR-218 and miR-23b has resulted in increased MBNL protein 

levels and rescue of mis-splicing events in DM1 human myoblasts [143] and HSALR 

DM1 model mice, where low toxicity, high efficacy, and long-lasting biological effects 

were observed [143,144]. While these are encouraging results, the effectiveness of 

treatments for DM1 still needs to be investigated in clinical phases. 

Here, we describe a method to fabricate a bioengineered 3D DM1 skeletal 

muscle tissue model using transdifferentiated myoblasts from patient-derived 

fibroblasts. These cells were encapsulated in micropatterned GelMA-carboxymethyl 

cellulose methacrylate (CMCMA) hydrogels on top of functionalized glass coverslips. 

Cells were cultured for up to three weeks obtaining aligned myotubes with disease-

associated molecular and structural phenotypic features. Remarkably, cell 

encapsulation in micropatterns improved DM1 myotube formation compared to 

traditional 2D cultures. Moreover, the analysis of 3D reconstructed myotubes showed 

that DM1 myotubes have a thinner phenotype than myotubes from healthy control 

cells. Additionally, as a proof-of-concept, we showed that antagomiR treatment for 

miR-23b could rescue MBNL expression and myotube diameter in 3D DM1 human 

myotubes. Overall, we demonstrate that patient-derived bioengineered DM1 skeletal 

muscle microtissues represent valuable in vitro tools for preclinical research. Finally, 

the developed fabrication method for DM1 could easily be translated for drug 

development and other studies on muscular dystrophies. 

4.3.2. Experimental procedure 

Cell culture 

Immortalized human fibroblasts from unaffected control and DM1 patient 

(carrying 1300 CTG repeats quantified in the blood cells) [162] were kindly provided 

by Dr. Denis Furling and Dr. Vincent Mouly (Institute of Myology, Paris). Fibroblast 
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cells were grown in Dulbecco's modified eagle medium (DMEM, 4.5 g L−1 glucose, 

Gibco) supplemented with 1% penicillin-streptomycin (P/S, 10 000 U mL−1, 

Thermofisher) and 15% fetal bovine serum (Gibco). Transdifferentiation into 

myoblast-like cells was induced by turning on the myogenic program, forcing MyoD 

expression when culturing cells in muscle differentiation medium (MDM). MDM 

consisted of DMEM with 4.5 g L−1 glucose, 1% P/S, 2% horse serum, 1% apo-

transferrin (10 mg mL−1), 0.1% insulin (10 mg mL−1), and 0.02% doxycycline (10 mg 

mL−1). In all cases, cells were grown at 37 °C in a humidified atmosphere containing 

5% CO2. For cell differentiation in 2D, fibroblasts were seeded at 12 000 cells cm−2 

in 12-well plates containing glass coverslips coated with 50 µg mL−1 collagen type I 

and were cultured in growth medium. Once the cells were confluent, the growth 

medium was replaced by MDM to induce the myogenic program. Fusion index was 

analyzed in cultures differentiated for seven days. 

Microstructured stamps fabrication 

Microstructured poly(dimethylsiloxane) (PDMS), Sylgard™ Elastomer base 

and curing agent) stamps were fabricated by replica molding of silicon wafer molds. 

Microfabrication of silicon molds 

Silicon wafer molds were fabricated by standard photolithography techniques 

using SU-8 negative photoresist. Briefly, silicon wafers (4'' n-type <111>, 

MicroChemicals GmbH) were cleaned in a plasma chamber for 20 min at 6.8 W. After 

that, wafers were heated for 5 min in a hotplate at 95 °C to dehydrate them. Negative 

resist SU-8 2100 (2100, MicroChem) was spin-coated in two steps to obtain 

structures of 100 μm in height. To make the patterns, a mask aligner (SÜSS Microtec, 

MJB4) was set to 240 mJ cm−2 energy radiation at 365 nm, and a high-quality 

emulsion flexible film was used as a photomask (JD Photodata, UK). Irradiation time 

was set to 20 s. Cross-linkage of negative-tone exposed regions of SU-8 was subject 

to a hotplate cycle of 65 °C and 95 °C for 5 and 20 min, respectively. The labile 

photoresist was removed by developing the crosslinked patterns immersing the 

wafer in SU-8 developer (MicroChem) for 10 min. Then, the action of 2-propanol 

stopped development. After a quick N2 blow, we heated the molds for 60 min at 120 

°C. As a final step, the SU-8 patterned silicon molds had to undergo silanization to 

obtain hydrophobic surfaces and avoid permanent bonding with the PDMS. 
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Replica molding of microstructured PDMS stamps 

The polymer elastomer base and curing agent were weighted in a 10:1 ratio 

to obtain microstructured stamps of 6 mm in diameter, with channels of 100 µm and 

200 µm of width and height. After mixing thoroughly, we degassed the polymer in a 

vacuum chamber. PDMS was poured on the patterned silicon substrate and cured 

at 80 °C for 4 h. Finally, PDMS was detached and cut off using a 5 mm biopsy punch. 

PDMS stamps were cleaned by sonication in Milli-Q water and 2-propanol for 5 min 

and dried using N2 flow before using them for tissue fabrication. 

Prepolymer preparation 

GelMA (Figure 4.15E) and CMCMA (Figure 4.15G) were synthesized as 

previously described [291]. These prepolymer precursors and the photoinitiator 

lithium phenyl (2,4,6-trimethylbenzoyl) phosphinate (LAP, TCI Europe N.V.) were 

dissolved in MDM at 65 °C for 2 h. The concentrations of GelMA, CMCMA, and LAP 

were fixed to obtain final concentrations of 5%, 1%, and 0.1% w/v, respectively. 

Cell encapsulation in 3D microstructured hydrogels 

Cell-laden 3D microstructured hydrogels were fabricated on top of glass 

coverslips using a photomold patterning technique, as described in [309]. 

Glass coverslip functionalization 

Glass coverslips were previously treated with 3-(trimethoxysilyl)propyl 

methacrylate (TMSPMA, Aldrich) (Figure 4.15A) and coated with a layer of 

poly(ethylene glycol) diacrylate (PEGDA, MW 4000 Da, Sigma-Aldrich) (Figure 

4.15C) by free radical polymerization. First, clean glass coverslips were activated by 

oxygen plasma at 29.6 W for 30 s. Immediately after plasma treatment, the glass 

surface was covered with a freshly prepared silanization solution (TMSPMA diluted 

in ethanol at 1:50 and mixed with 3% acetic acid) for 1 h. Then, coverslips were 

thoroughly washed with ethanol and dried (Figure 4.15B). 

For PEGDA coating, we prepared a solution of 20% w/v PEGDA and 2% w/v 

LAP in Milli-Q water by dissolving in a water bath at 60 °C for 30 min. For each 

coverslip, a 5 µl drop was placed on a Teflon surface. Then, the silanized side of the 

coverslip was carefully pressed on top. Finally, samples were exposed to UV for 2 

min using a UVP Crosslinker (model CL-1000 l, 365 nm, 40 W, Analytik Jena US), 

washed several times with Milli-Q water, and thoroughly dried (Figure 4.15D). 
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Cell encapsulation 

To encapsulate cells in micropatterned hydrogels, we mixed the prepolymer 

solution with a cell suspension of either control or DM1 cells in MDM to obtain a final 

concentration of 2.5 × 107 cells mL−1. Then, an 8 µl drop of the cell-laden prepolymer 

was placed on a PEGDA-coated glass coverslip, and a PDMS stamp (Figure 4.15H) 

was pressed lightly on top, filling the microchannels with the solution. The hydrogels 

were crosslinked by UV exposure of 30 s using the UVP Crosslinker. MDM was 

added to each sample, and stamps were carefully removed after 20 min of incubation 

Figure 4.15. Fabrication protocol to obtain 3D skeletal muscle microtissues. (A), (C), (E), (G) 

Chemical structures of (A) 3-(trimethoxysilyl)propyl methacrylate (TMSPMA), (C) poly(ethylene 

glycol) diacrylate (PEGDA), (E) gelatin methacryloyl (GelMA), and (G) carboxymethyl cellulose 

methacrylate (CMCMA). (B) Schematic of silanization of glass coverslips by plasma activation and 

treatment with TMSPMA. (D) Silanized coverslips were coated with a PEGDA layer. PEGDA was 

polymerized by UV light exposure in the presence of a photoinitiator, lithium phenyl (2,4,6-

trimethylbenzoyl) phosphinate (LAP). (F), (H), (I) Photomold patterning of cell-laden GelMA-CMCMA 

hydrogels. A microstructured poly(dimethylsiloxane) (PDMS) stamp (H) was used to fabricate cell-

laden micropatterned hydrogels on top of PEGDA-coated glass coverslips (I) by polymerization with 

UV light. 
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at 37 °C (Figures 4.15F, I). Encapsulated cells were differentiated for up to 21 days, 

with culture media being replaced every two days. 

Hydrogel characterization 

Stiffness measurements 

The bulk stiffness of GelMA-CMCMA hydrogels was analyzed by uniaxial 

compression tests using a Zwick Z0.5 TN instrument (Zwick-Roell, Germany) with a 

5 N load cell. Hydrogels were fabricated as described in [309]. For each sample, 300 

µl of the prepolymer solution were placed in a 48-well plate and exposed to UV light 

for 30 s. Cylindrical samples were cut using a 10 mm diameter biopsy punch. 

Samples were tested at room temperature (RT) up to 30% final strain (deformation), 

using the following parameters: 0.1 mN preload force and 20% min−1 strain rate. 

Force-deformation graphs were obtained using the TestXpert (Zwick-Roell) software. 

Values for the compressive modulus were automatically calculated from the slope of 

the linear region corresponding to 10%–20% deformation (strain) with the TestXpert 

software. 

To obtain Young's modulus of the micropatterned GelMA-CMCMA hydrogels 

in liquid conditions, samples were photomolded as described before. After 24 h of 

incubation at 37 °C, the stiffness was measured by atomic force microscopy (AFM) 

following a previously described protocol [216,217]. Briefly, indentation 

measurements were conducted using a NanoWizard® 4 Bioscience AFM (JPK 

Instruments) mounted onto a Nikon Ti inverted microscope. Silicon nitride pyramidal 

tips (NanoWorld) with nominal spring constants of 0.08 Nm−1 were used. Series of 

ten indentations at a frequency of 0.05 Hz (10 µm amplitude) were performed in 

different positions of the GelMA-CMCMA micropatterns. Finally, the Hertz model for 

a pyramidal tip was fitted to the measured force-distance curves, using the JPK data 

analysis software. 

Scanning electron microscopy (SEM) imaging 

Hydrogels for SEM imaging were fabricated following the same protocol as 

for compression measurements. After 24 h of incubation, the hydrogels were washed 

with Milli-Q water and fixed for 1 h in a 2.5% glutaraldehyde solution (Sigma-Aldrich). 

Following several washes, samples were dehydrated by sequential immersion in 

graded ethanol solutions in Milli-Q water. Washings of 10 min were performed with 

50%, 70% (×2), 90% (×3), 96% (×3), and 99.5% (×3) ethanol. To dry the hydrogels 
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without causing their collapse, samples were placed in a critical point drying chamber 

(K850, Quorum Technologies, UK), where ethanol was completely replaced by liquid 

CO2 and gradually heated until CO2 achieved gas phase equilibrium and was slowly 

drained. After critical point drying, microstructured hydrogels were covered with Au 

and imaged by ultrahigh-resolution SEM (Nova NanoSEM 230, FEI Company, The 

Netherlands) operating in a low vacuum mode (0.5 mbar of water vapor pressure). 

Cell viability assay 

Cell viability was evaluated 24 h after encapsulation using the Live/Dead 

viability/cytotoxicity kit (Invitrogen). Briefly, samples were washed several times with 

sterile 1× phosphate buffered saline (PBS) and incubated for 30 min with a staining 

solution containing Calcein AM, Ethidium homodimer-1, and Hoescht (Invitrogen) in 

PBS. Cell viability was calculated as the percentage of living cells with respect to the 

total cell number analyzed in the 3D reconstruction of confocal Z-stacks using Imaris 

software. 

Antisense oligonucleotide treatment 

AntagomiR oligonucleotides (Creative Biogene) were administrated 72 h after 

DM1 microtissue fabrication. MDM was replaced and supplemented with 100 nM of 

AntagomiRs for miR-sc (control) or miR-23b-3p. The treatment lasted for seven days 

without replacing the culture media. The antagomiR sequences were: 5'‐

mG*mG*mUmAmAmUmCmCmCmUmGmGmCmAmAmUmGmU*mG*mA*mU*‐3'-

chol (antagomiR-23b-3p), and 5'‐

mC*mA*mGmUmAmCmUmUmUmUmGmUmGmUmA*mC*mA*mA*‐3'-chol (sc 

control). Where m denotes 2'-O-methyl-modified phosphoramidites, * denotes 

phosphorothioate linkages, and chol denotes cholesterol groups. 

Fluorescence in situ hybridization (FISH) 

Bioengineered 3D skeletal muscle tissues were fixed in 4% paraformaldehyde 

for 30 min at RT and washed with 1× PBS for 10 min. Samples were incubated in the 

prehybridization buffer (2× saline sodium citrate [SSC], 30% deionized formamide) 

for 30 min at RT and hybridized with a Cy3-(CAG)7-Cy3-labeled probe, diluted 1:200 

in hybridization buffer (40% deionized formamide, 2× SSC, 10% dextran sulfate, 

0.2% BSA, 2 mM Ribonucleoside Vanadyl Complex (Sigma-Aldrich), 1 mg mL−1 

Escherichia coli tRNA, 1% herring sperm DNA) overnight at 37 °C in the dark. After 

hybridization, samples were washed twice with a prehybridization buffer for 30 min 
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at 42 °C, washed with 1× PBS, and incubated with DAPI for 15 min. All the 

incubations were performed in a humidity chamber. 

Immunofluorescence staining 

Bioengineered muscle tissues were fixed with 10% formalin solution (Sigma-

Aldrich) for 30 min at RT, followed by several washes in PBS. Samples were then 

permeabilized with PBS-T (0.1% Triton-X (Sigma-Aldrich) in PBS), blocked (0.3% 

Triton-X, 3% donkey serum (Sigma-Aldrich) in PBS) for 2 h at RT, and incubated with 

primary antibody (Supplementary Table 1) at 4 °C overnight. After several PBS-T 

washes, the samples were incubated for 2 h with the fluorophore-conjugated 

secondary antibody (Supplementary Table 1) at RT. Finally, the samples were 

counterstained with DAPI (4',6-diamidino-2-phenylindole, Life Technologies) to 

detect the nuclei. 

For MBNL1 detection, after FISH protocol, samples were incubated with the 

monoclonal anti-MBNL1 primary antibody at 4 °C. The fluorescence signal was 

amplified using a biotin-conjugated secondary antibody (Supplementary Table 1) 

and the VECTASTAIN® Elite® ABC kit (Vector) for 1 h at RT, followed by PBS-T 

washes and incubation with either Dylight®488-FITC (1:200, Vector) for 2 h at RT. 

Finally, the samples were counterstained with DAPI to detect the nuclei. 

Imaging 

Light microscopy and live-cell imaging of myotubes were performed using a 

Zeiss Axio Observer.Z1/7 outfitted with the XL S1 cell incubator. Imaging was 

performed at 37 °C and 5% CO2. Fluorescence images were taken as Z-stacks with 

a ZEISS LSM800 confocal laser scanning microscope and analyzed using the Imaris 

microscope image analysis software (Oxford instruments) and the Fiji image 

processing package, a distribution of ImageJ [218,224]. 

Fusion index and myotube size analysis 

Z-stacks were analyzed as 3D images using the Imaris software. Fusion index 

was determined as the percentage of nuclei in myotubes (≥2 myonuclei) with respect 

to the total number of nuclei, in myotubes expressing sarcomeric α-actinin (SAA). 

The diameter of individual 3D myotubes was obtained by the object-oriented 

bounding box statistical variable (BoundingBoxOO Length A), which measures the 

length of the object's shortest principal axis. 
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RNA extraction, RT-PCR and real-time PCR 

Total RNA from human bioengineered muscles was isolated using Tri-reagent 

(Sigma) according to the manufacturer's instructions. One microgram of RNA was 

digested with DNase I (Invitrogen) and reverse-transcribed with SuperScriptTM II 

(Invitrogen) using random hexanucleotides. qRT-PCR was carried out on one 

nanogram of cDNA template with the FIREPol® EvaGreen® qPCR Mix Plus (Solis 

Biodyne) and specific primers (supplementary table 2). GAPDH and ACTB were 

used as endogenous controls. miRNA expression was quantified using specific 

miRCURY LNA microRNA PCR primers (Qiagen) according to the manufacturer's 

instructions. Relative gene expression was normalized to miR-103 expression [221]. 

Expression levels were measured using the QuantStudio 5 Applied Biosystems Real-

Time PCR System. Expression relative to the endogenous genes and control group 

was calculated using the 2−ΔΔCt method. Pairs of samples were compared using two-

tailed Student t-tests (α = 0.05), applying Welch's correction when necessary. For 

splicing analyses, 20 ng of cDNA were used in a standard PCR reaction with GoTaq 

polymerase (Promega). Specific primers were used to analyze alternative splicing of 

Bridging integrator 1 (BIN1), Nuclear Factor I X (NFIX), and Spectrin Alpha Non-

Erythrocytic 1 (SPTAN1) (Supplementary Table 2). 

Western blotting 

For total protein extraction, samples were homogenized in RIPA buffer (150 

mM NaCl, 1.0% IGEPAL, 0.5% sodium deoxycholate, 0.1% SDS, 50 mM Tris-HCl 

pH 8.0) supplemented with protease and phosphatase inhibitor cocktails (Roche 

Applied Science). Total proteins were quantified with a BCA protein assay kit (Pierce) 

using bovine serum albumin as the standard concentration range. For the 

immunodetection assay, 20 μg of samples were denatured for 5 min at 100 °C, 

electrophoresed on 12% SDS-PAGE gels, transferred onto nitrocellulose 

membranes 0.45 µm (GE Healthcare), and blocked with 5% non-fat dried milk in 

PBS-T (1× PBS; 0.05% Tween 20, pH 7.4). Membranes were incubated overnight at 

4 °C with primary mouse anti-MBNL1 (1:200, clone MB1a (4A8), Developmental 

Studies Hybridoma Bank) or mouse anti-MBNL2 (1:100, clone MB2a (3B4), 

Developmental Studies Hybridoma Bank). Anti-GAPDH-binding protein-horseradish 

peroxidase (HRP) antibody (1 h, 1:3500, clone G-9, Santa Cruz) as a loading control. 

All primary antibodies were detected using HRP-conjugated anti-mouse-IgG 

secondary antibody (1 h, 1:5000, Sigma-Aldrich). Immunoreactive bands were 
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detected using ECLTM Western blotting substrate (Pierce), and images were 

acquired with an AMERSHAM ImageQuant 800 (GE Healthcare). Quantification was 

performed using ImageJ software. The statistical differences were estimated by the 

Student's t-test (p < 0.05) on normalized data. 

Statistical analysis 

All group data are expressed as mean ± SEM. The comparisons between 

groups were performed using Prism 8 software (GraphPad) by two-tailed Student t-

test (α = 0.05), applying Welch's correction when necessary. Differences between 

groups were considered significant when P< 0.05 (*P< 0.05; **P< 0.01; ***P< 0.001; 

****P< 0.0001). 

4.3.3. Results and discussion 

A fabrication protocol to obtain 3D skeletal muscle microtissues 

The skeletal muscle is a highly organized tissue made up of arrays of aligned, 

multinucleated myofibers. This complex architecture should be mimicked in vitro to 

obtain 3D models that accurately represent the basic features of skeletal muscle 

tissue. Multinucleated myofibers are formed by fusion and differentiation of muscle 

precursor cells; therefore, fabrication strategies for tissue engineering should provide 

effective topographical cues that favor myoblast alignment and fusion. Among these 

biofabrication techniques to engineer topographical cues, the most used are 

micropatterning, micromolding, electrospinning, and 3D bioprinting [61]. Previous 

studies have shown that cells with a tendency to align in vivo (e.g., fibroblasts, murine 

myoblasts, and endothelial cells) can elongate and align in vitro if they are 

geometrically confined within a suitable biomaterial [273]. Accordingly, our 

fabrication protocol was designed to encapsulate human muscle precursor cells in 

micropatterned hydrogels, which confine cells in narrow hydrogel filaments and 

induce the formation of elongated myotubes. 
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As previously described, we used photomold patterning to transfer the 

features of microstructured PDMS stamps into photocrosslinkable GelMA-CMCMA 

hydrogels (Figures 4.15 and 4.16A). We fabricated stamps with channels of 200 µm 

(data not shown) or 100 µm of width, height, and spacing. We observed better cell 

alignment when cells were confined in smaller structures. This was in agreement with 

other studies where cell alignment and myotube formation were enhanced in the 

thinnest structures [191]. Besides alignment being favored in narrower patterns, 

there are other limitations to the dimensions of hydrogels for cell encapsulation. As 

some studies point out, there is a limited diffusion of oxygen and nutrients in 

engineered tissues at around 200 µm of depth due to the lack of vascularization 

[291,310,311]. Therefore, we fabricated smaller structures to overcome this 

limitation. Consequently, we decided to use the microstructured stamps with smaller 

features to fabricate hydrogel filaments of 100 µm in width and 5 mm in length on top 

of glass coverslips. 

Using glass as our substrate, we noticed that some cells adhered to the flat 

surface between hydrogel filaments outside of the 3D structure (Figure 4.16B). This 

was an unwanted effect since cells in 2D would grow and differentiate at a different 

speed, creating two separate cell populations. To ensure that cells remained 

confined within the 3D GelMA-CMCMA hydrogel, the glass surface was previously 

silanized and coated with a thin layer of PEGDA hydrogel. PEGDA is hydrophilic and 

inert to protein adsorption [312]; hence, this surface modification highly reduced 

undesired 2D cell attachment outside the GelMA-CMCMA microfilaments fabricated 

on top of the PEGDA layer (Figure 4.16C). Furthermore, GelMA-CMCMA was 

covalently attached to PEGDA, which gave more stability to the micropatterned 

structures [47]. 

Figure 4.16. Effect of PEGDA coating on micromolded hydrogels. (A) Phase contrast image of 

cell-laden micropatterned hydrogels (scale bar: 2.5 mm). (B), (C) Representative phase contrast 

images of cell-laden hydrogels without (B) and with (C) PEGDA coating (scale bars: 200 µm). 
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Cell encapsulation in photocrosslinkable hydrogels is achieved by free radical 

polymerization in the presence of a photoinitiator and UV light. Therefore, after this 

procedure, cell survival strongly depends on critical factors, including UV 

wavelength, energy dose, and photoinitiator concentration. When cells are exposed 

to a low dose of long-wave UV light, the procedure is considered biocompatible [313]. 

As has been reported, LAP photoinitiator has a high extinction coefficient at 365 nm, 

which makes it more efficient than other commonly used compounds, such as 

Irgacure 2659 [49,291]. This efficiency allowed crosslinking composite hydrogels 

with a very low photoinitiator concentration and short exposure times (low energy 

dose). To confirm this, we measured the energy dose received by cells during 30 s 

of UV exposure using a wireless power-meter inside the UVP crosslinking chamber, 

obtaining 0.48 J cm−2 (16 mW cm−2 during 30 s). This energy dose is very low, 

considering cell-laden GelMA hydrogels have been crosslinked with energy doses 

ranging from 0.3 J cm−2 to 36 J cm−2 [314,315]. Moreover, cell cytotoxicity assays 

(Figure 4.17A-H) showed that more than 88% of encapsulated cells remained viable 

24 h after UV exposure (Figure 4.17I). 

Although both 3D bioprinting and photomold patterning are valuable 

biofabrication strategies for generating cell-laden hydrogel filaments, photomold 

patterning offered several advantages compared to our previous 3D bioprinted model 

[291], such as reproducibility, amount of material required, or the final cost of the 

procedure. 

Human skeletal muscle tissue models have been developed from primary and 

immortalized human myoblasts and human induced pluripotent stem cells [155]. 

Bioengineered 3D in vitro models require large numbers of cells, especially for high-

throughput drug screening platforms. This represents a challenge for developing 

disease models, where it is necessary to incorporate patient cells coming from 

muscle biopsies. A major problem of using primary myoblasts from adult DM1 

patients is their limited proliferative capacity due to premature replicative senescence 

[316]. Besides, muscle biopsies are invasive and not always available. Arandel et al. 
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overcame these limitations by developing transdifferentiated myotubes cell lines 

[162]. These cell lines consisted of immortalized skin fibroblasts that were converted 

into myoblasts by forcing the overexpression of the myogenic regulator factor 

MYOD1. Here, we fabricated 3D skeletal muscle microtissues from immortalized 

fibroblasts obtained from a healthy control individual and a DM1 patient. Cell-laden 

hydrogels were cultured in MDM containing doxycycline and a low serum 

concentration from the moment of encapsulation. With this culture media, 

doxycycline activated the myogenic program and transdifferentiation into myoblast-

like cells. Additionally, the reduced serum concentration slowed down cell 

proliferation, inducing a shift to a differentiation state. Furthermore, myoblasts need 

to be close to recognize each other and fuse into myotubes. Since cell proliferation 

was limited by the MDM, working with a high cell density (2.5 × 107 cells mL−1) was 

key in obtaining multinucleated myotubes. In summary, we have developed a 

reproducible method to generate 3D skeletal muscle microtissues from human cells. 

Figure 4.17. (A–H) Representative images of live/dead staining from healthy control (A–D) and DM1 

cells (E–H) 24 h after cell encapsulation. Live cells were stained with Calcein AM (green), nuclei 

were stained by Hoescht (blue), and dead cells (red) were stained with Ethidium homodimer-1 (EthD-

1) (Scale bars: 100 µm). (I) Graph showing the cell viability in micromolded hydrogels represented 

as the live cells over the total cell number (mean ± SEM). (J) Example of a typical force-deformation 

curve obtained by uniaxial compression tests on bulk GelMA-CMCMA hydrogels. Young's modulus 

(E) = 0.6 ± 0.1 kPa (k) typical force–displacement curves of the AFM tip indenting the surface of the 

GelMA-CMCMA microstructured hydrogels. E = 0.5 ± 0.2 kPa (Mean values ± SEM). (L–O) Scanning 

electron microscopy (SEM) images of GelMA-CMCMA (L), (M) and PEGDA (N), (O) hydrogels. 

Scale bars: (L), (N) 5 µm, (M), (O) 1 µm. 
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In this protocol, we applied a photomold patterning technique to encapsulate cells in 

GelMA-CMCMA hydrogel scaffolds. 

Physical properties of GelMA-CMCMA hydrogels 

Skeletal muscle tissue engineering requires culture time for myoblast fusion 

and myotube maturation. Additionally, engineered tissues should remain viable for 

several weeks to be valuable for drug screening applications. For these reasons, the 

biomaterials used as scaffold need to resist enzymatic degradation by encapsulated 

cells and other stress cues. We previously showed that degradation of GelMA 

hydrogels could be slowed down by fabricating composites that include a small 

percentage of a non-degradable polymer [291]. GelMA contains cell adhesion and 

degradation sites that allow cells to attach and remodel the matrix, a necessary 

feature for cell spreading and fusion. CMCMA is a biocompatible cellulose derivate 

that is non-degradable by mammalian cells [257]. Therefore, its incorporation into 

the hydrogel formulation provided more structural stability over time. In fact, in our 

previous works, we have demonstrated that this composite hydrogel allowed long-

lasting culture and differentiation of murine skeletal muscle cells [309,317]. 

The bulk stiffness of GelMA-CMCMA hydrogels was measured using uniaxial 

compression tests, obtaining a Young's modulus of 0.6 ± 0.1 kPa (Figure 4.17J). To 

calculate the stiffness of our micropatterned hydrogels in liquid conditions, we 

performed AFM microindentation measurements (Figure 4.17K). The obtained 

values were comparable (E = 0.5 ± 0.2 kPa), corresponding to soft hydrogels in the 

range of 0.5–0.7 kPa. Some studies suggest that the optimal stiffness for myotube 

maturation is higher, being closer to the native skeletal muscle tissue (~12 kPa) 

[274,318]. However, these experiments were performed by seeding cells on top of 

2D substrates. In contrast, the stiffness of hydrogels for 3D skeletal muscle models 

varies depending on the biomaterials used but lean towards softer hydrogels. For 

instance, the encapsulation of human myoblasts in fibrin-based hydrogels is 

performed in biomaterials with Young's modulus of 1 ± 0.1 kPa [200]. Similarly, 3D 

studies performed with GelMA and C2C12 murine cells indicated that softer 

hydrogels in the range of 1–3 kPa lead to more elongated cell morphology, better 

cell spreading, and greater differentiation in 3D structures [191,309]. In the case of 

micropatterned GelMA-based hydrogels, stiffer hydrogels can be obtained by 

modifying fabrication conditions to increase the crosslinking degree. We previously 

studied cell morphology and spreading in micropatterned GelMA-CMCMA hydrogels 
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with different stiffness values [309]. Stellate morphology indicates that cells can 

move better within the material, which is essential for cell fusion. We observed that 

cells had a stellate morphology in softer hydrogels, while most cells were round when 

encapsulated using longer UV exposure times. Furthermore, longer UV exposure 

times or higher photoinitiator concentration may affect cell viability. Moreover, highly 

crosslinked hydrogels result in densely packed fibrillar structures that reduce water 

uptake and hinder nutrient diffusion and transport [291,319,320]. The fibrillar 

nanostructure of our photomolded GelMA-CMCMA hydrogels was observed using 

SEM (Figure 4.17L-M). The images showed an interconnected porous network that 

allows the diffusion of growth factors and other biological substances through the 

hydrogel. Conversely, PEGDA hydrogel analysis in SEM microscopy revealed that it 

is formed by a dense non-porous matrix (Figure 4.17N-O). This characteristic 

structure in the PEGDA layer helps to avoid cell growth and improves the adhesion 

and attachment of the GelMA-CMCMA scaffold. Altogether, the physical properties 

of GelMA-CMCMA hydrogel scaffolds are appropriate for supporting long-term cell 

culture of skeletal muscle tissue. 

3D model of DM1 retains molecular features of the disease and 
provides a new structural phenotype for preclinical research 

In this work, we fabricated 3D skeletal muscle tissue from human 

immortalized transdifferentiated myoblast-like cells that present molecular and 

phenotypical features of DM1. By evaluating 2D cell cultures, Arandel et al. confirmed 

that patient-derived cells present nuclear RNA aggregates (foci) of expanded CUG 

repeats, a hallmark feature of DM1. They also showed that DM1 cells had a reduced 

fusion capability and formed smaller myotubes compared to healthy controls in 2D 

[162]. To validate the use of this cell line for our bioengineered DM1 model, we 

analyzed if nuclear RNA aggregates were also observed in 3D. By performing FISH 

and immunofluorescence analyses, we demonstrated the presence of CUGexp-RNA 

foci and their colocalization with MBNL1 (Figure 4.18), confirming that these cells 

retain DM1-associated molecular characteristics and are suitable for generating in 

vitro 3D models for the disease.  

To evaluate fusion capability in 3D, we assessed confocal images of 2D 

cultures and bioengineered microtissues from both control and DM1 myotubes. After 

seven days in differentiation conditions, we performed immunofluorescence 

stainings for myosin heavy chain 7, SAA, and nuclei (Figure 4.19A-P). Then, we 
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used confocal images to calculate the fusion index, which is an indicator of 

differentiation quality in skeletal muscle cell cultures [321]. As expected, DM1 

myoblasts in 2D culture had a significantly lower fusion index than healthy controls. 

Unexpectedly, when cells were encapsulated in 3D GelMA-CMCMA hydrogels, there 

were no differences in differentiation between healthy controls and DM1 cells, 

obtaining high fusion index values for both cases (Figure 4.19Q). Remarkably, 3D 

micropatterning resulted in the formation of long, multinucleated myotubes from DM1 

patient-derived cells after seven days of culture, which is not possible to generate in 

standard cell cultures. 

Although the fusion index of 3D DM1 myotubes was comparable to healthy 

myotubes, we observed structural differences, which prompted us to analyze the 

myotube diameter. Bioengineered skeletal muscle microtissues were differentiated 

for 7, 14, or 21 days before immunostaining for confocal imaging. Then, the 3D 

reconstructions of myotubes expressing SAA (Figure 4.20A-F) were used to 

Figure 4.18. Encapsulated DM1 cells present disease-associated molecular phenotypes. 

Representative confocal images of (A–D) control and (E–H) DM1 immortalized transdifferentiated 

myoblast-like cells encapsulated in GelMA-CMCMA hydrogels. (A), (E) Nuclei were stained with 

DAPI (blue). (B), (F) Nuclear RNA aggregates of expanded-CUG repeats (white arrows) were only 

present in DM1 cells and detected by FISH using a Cy3-(CAG)7-Cy3 probe (red). (C), (G) MBNL1 

stainings (green) showing a reduced expression of MBNL1 in DM1 cells compared to controls. (D), 

(H) Merged images showing colocalization of MBNL1 with nuclear CUGexp-RNA aggregates in DM1 

transdifferentiated myoblast-like cells (Scale bars: 10 µm). 
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measure the individual diameter of control and DM1 myotubes over time. Several 

works have quantified myotube diameter in 2D for different purposes; for example, 

to characterize patient cells [322], test different culture conditions [323], evaluate the 

influence of topography in differentiation [324], or to study the effect of administrating 

Figure 4.19. Cell differentiation is improved in 3D cultures. (A–P) Representative confocal 

images of 2D (A–H) and 3D (I–P) cultures stained for myosin heavy chain 7 (MYH7, green), 

sarcomeric α-actinin (SAA, red), and nuclei (DAPI, blue) after seven days in differentiation conditions 

(scale bars: 50 µm). (Q) Graph showing comparison of fusion index expressed as the percentage of 

differentiated myotubes with respect to the total cell number. ****p < 0.0001. 
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a given compound to myotubes [325]. Myotube diameter has also been measured in 

3D cultures; for instance, Khodabukus et al. compared myotube cross-sections to 

analyze the maturation of electrically stimulated constructs [203]. Measurements in 

all these cases were carried out manually, using tools from ImageJ software. In 

contrast, our measurements were obtained by a 3D reconstruction using Imaris 

software (Figure 4.20G). With this reconstruction, each myotube diameter was 

automatically obtained with surface analysis tools. We found that 3D DM1 myotubes 

have a reduced diameter compared to healthy control myotubes (13.4 vs. 21.7 µm) 

after the first week of 3D culture (Figure 4.20H). After two weeks of culture, both 

types of myotubes increased in size, but DM1 myotubes continue to show a reduced 

diameter compared to control myotubes. On the contrary, after three weeks of 

culture, we did not detect differences between the size of 3D myotubes. 

Nevertheless, this observation might not be due to a DM1 phenotype, but the healthy 

myotubes have a reduced size after three weeks as a potential senescence of the 

cultures. For this reason, assays with these 3D muscle models should be performed 

in myotubes cultured for less than three weeks. 

Previous works in DM1 cell models have described deficient muscle 

differentiation. A reduced fusion potential has been observed in 2D studies with 

myoblasts from transgenic mice [326] and myogenic satellite cells from DM1 patients 

[327]. As an indicator of muscle differentiation, the fusion index has been used to 

Figure 4.20. 3D DM1 myotubes have a reduced myotube diameter. (A–F) Representative 

confocal images of bioengineered 3D human skeletal muscle microtissues from healthy control (A–

C) and DM1 (D–F) cells cultured for up to 21 days (Scale bars: 50 µm). Myotubes expressing SAA 

were stained in red and nuclei were counterstained with DAPI (blue). The 3D reconstruction of DM1 

microtissues (G) was used to measure the individual diameter of myotubes over culture time (H). *p 

< 0.05 and ****p < 0.0001. 
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investigate some aspects of DM1 molecular pathology [328,329]. It has also been 

applied to compare DM1 vs. control cells while establishing cell lines [162] and test 

if proposed treatments could restore muscle differentiation [330]. Notably, we 

demonstrated that 3D micropatterning improves the differentiation of DM1 cells, 

obtaining fusion index values that are similar to healthy controls. Thus, this indicator 

cannot be applied to evaluate phenotype rescue by a given therapy. Instead, we 

found a significant difference in the diameter of 3D myotubes from DM1 and control 

cells. DM1 usually presents in adulthood, when tissue is already formed. Therefore, 

from a drug development perspective, the reduced myotube diameter in 3D is a more 

physiologically relevant phenotype than impaired fusion in 2D cultures. Considering 

these results, we propose that this new structural phenotype would be a better 

indicator to assess the effects of DM1 therapies in preclinical research. 

AntagomiR treatments rescue bioengineered 3D DM1 muscle 
phenotypes 

Antisense oligonucleotides for specific blocking of miR-23b (antagomiRs) 

have already shown efficacy to increase MBNL protein levels in 2D DM1 myoblasts 

[143] as well as to rescue molecular pathology, splicing events, and functional 

phenotypes in a mouse model [143,144]. To demonstrate the application of our 

bioengineered in vitro model of DM1 in preclinical research, we evaluated the effect 

of this antagomiR in our 3D cell cultures. 

AntagomiR against miR-23b (α-miR-23b) or a scrambled control (sc-control) 

antagomiR were administered to bioengineered DM1 microtissues by gymnotic 

delivery at a concentration of 100 nM. Of note, cells were already orientated along 

the micropatterns and transdifferentiated into myoblast-like cells at the moment of 

antagomiRs administration. The treatment lasted for seven days. To determine the 

success of the treatment, we analyzed the expression levels of miR-23b by real-time 

PCR (Figure 4.21A). We observed a reduction of miR-23b expression in DM1 3D 

muscles treated with α-miR-23b compared to the DM1 3D muscles treated with sc-

control antagomiR. Next, we investigated if silencing miR-23b enhanced MBNL 

transcripts in the bioengineered 3D microtissues. We found an increase in MBNL2 

transcripts in 3D DM1 myotubes treated with α-miR-23b compared to sc-control-

treated tissues. However, MBNL1 was not increased at the transcriptional level 

(Figure 4.21B). Of note, western blot quantification showed an increase in both 



RESULTS 

180 
 

MBNL1-2 proteins in bioengineered microtissues treated with α-miR-23b (Figures 

4.21C-D).  

To determine if the increase of MBNL proteins rescue characteristic DM1 

spliceopathy, we analyzed the exon inclusion (Percentage Spliced In; PSI) of two 

MBNL1-dependent splicing events: BIN1 and NFIX; and one MBNL2-dependent 

splicing event: SPTAN1. Remarkably, the exon inclusion was significantly rescued 

for the three splicing events (Figures 4.21E-F). These rescue levels are lower than 

those obtained by transfection of antagomiRs in 2D myoblasts in previous studies 

[143]. This can be explained by the different delivery strategies used. Gene silencing 

by oligonucleotides usually requires a delivery vehicle to perform cell transfection. 

This requirement comes with several challenges that can complicate the 

development of oligonucleotide therapies [331]. As an alternative, gymnotic delivery 

('naked' delivery of oligonucleotides to cells) has been promising in recent years. 

With this delivery approach, cells in culture are exposed to a constant concentration 

of oligonucleotides, similar to what happens in vivo when plasma and tissues are 

exposed to saline-formulated oligonucleotides. Transfection strategy allows the 

internalization of large amounts of oligonucleotides. Nevertheless, gymnotic delivery 

remains a more physiologically relevant delivery approach, and its effects can be 

improved by dosage optimization in future assays. 

Finally, to assess the effect of antagomiRs on the DM1 3D structural 

phenotype, we measured the diameter of 3D myotubes treated with α-miR-23b and 

compared them to sc-control-treated myotubes (Figure 4.21G). After seven days of 

treatment, we found that sc-control-treated microtissues had a mean myotube 

diameter of 14.4 µm, similar to DM1 myotubes without any treatment. Remarkably, 

upon treatment with α-miR-23b, myotubes reached a mean diameter of 21.9 µm 

(Figure 4.21H), comparable to the diameter of myotubes from healthy control cells 

(Figure 4.20H). Altogether, these results highlight the application of our 

bioengineered in vitro 3D model to assess DM1 therapies. Other antisense 

oligonucleotides and other potential therapies like small molecules or peptides can 

be tested on this platform. Furthermore, drug effects can be analyzed at different 

levels, including transcriptional, post-transcriptional, and structural phenotype 

changes. 
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Figure 4.21. Therapeutic effect of antagomiR-23b on a bioengineered in vitro 3D model of DM1 

human skeletal muscle. (A) Real-time PCR quantification of miR-23b expression after seven days of 

treatment with 100 nM of antagomiR-23b (α-miR-23b) or scrambled control antagomiR (sc-control). 

U1 and U6 snRNAs were used as reference genes. (B) qRT-PCR quantification of MBNL1 and MBNL2 

expression relative to GAPDH and ACTB genes. (C), (D) Western blot quantification of MBNL1 and 

MBNL2 protein expression levels in 3D DM1 myotubes seven days after treatment with 100 nM of α-

miR-23b or sc-control. GAPDH expression was used as endogenous control. (E), (F) RT-PCR 

analyses of splicing events altered in BIN1, NFIX, and SPTAN1 in 3D DM1 myotubes. (G-H) Confocal 

images of DM1 myotubes after treatment with sc-control (G) or α-miR-23b (H). Myotubes expressing 

SAA were stained in red and nuclei were counterstained with DAPI (blue) (scale bars: 50 µm). (I) 

Quantification of the diameter of 3D DM1 myotubes treated with sc-control or α-miR-23b. The shaded 

area corresponds to the mean of myotube diameter of healthy control myotubes after 7 (bottom limit) 

and 14 days (top limit) of differentiation. *p < 0.05, **p < 0.01 and ****p < 0.0001. 
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4.3.4. Conclusions 

In this work, we described a detailed protocol for fabricating 3D skeletal 

muscle microtissues that can be maintained in long-lasting cultures. This 

micromolding technique is cheap and can be easily reproduced. Importantly, cell 

encapsulation in GelMA-CMCMA micropatterned hydrogels produce highly aligned 

multinucleated myotubes. Using this protocol, we generated for the first time a 

bioengineered human 3D skeletal muscle model for myotonic dystrophy. 

Remarkably, this protocol can be applied to cells from patients for different muscle 

diseases (i.e., other muscular dystrophies) to obtain patient-specific models. DM1 

patient-derived cells encapsulated in GelMA-CMCMA hydrogels present DM1 

molecular characteristics and correctly differentiated into multinucleated myotubes. 

A reduced fusion index, an indicator of muscle differentiation, is a typical feature of 

DM1 standard 2D cultures. Notably, the fusion index is restored to control values in 

DM1 3D myotubes. However, DM1 3D microtissues display a new structural 

phenotype; the 3D diameter of myotubes is significantly thinner than control 

myotubes. Therefore, this more physiological phenotype of the bioengineered 3D 

DM1 myotubes can be used for drug screening studies of DM1. To evaluate the 

applicability of this in vitro model in evaluating therapeutic compounds, we treated 

the bioengineered 3D microtissues with antisense oligonucleotides against miR-23b. 

Our findings indicated that antagomiRs for miR-23b are able to rescue molecular and 

structural phenotypes of DM1 disease when administrated to bioengineered 3D 

muscle. Overall, we demonstrated that our patient-derived 3D model is a relevant 

alternative to the existing in vitro and animal models. These bioengineered 3D 

skeletal muscle microtissues could be useful in a preclinical platform for DM1 drug 

development. 
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4.4. Human platelet lysate-based nanocomposite 
hydrogels for skeletal muscle tissue engineering 

The last part of the doctoral thesis was dedicated to developing a xeno-free 

3D human skeletal muscle tissue model13. Xeno-free biomaterials would represent a 

more relevant approach in tissue engineering for human disease modeling or 

regenerative medicine. In this work, the biomaterial scaffold consisted of human 

platelet lysate-based nanocomposite hydrogels (HUgel) instead of GelMA-CMCMA, 

which has animal-derived components. This nanocomposite hydrogel was previously 

developed at the Institute for Biomaterials, Biodegradables, and Biomimetics (i3Bs 

Research Institute) from the University of Minho in Portugal. 

 Platelet lysate (PL) is mainly composed of fibrinogen and is rich in growth 

factors. Although PL gels have a fibrillar structure that can mimic the extracellular 

matrix, they have poor mechanical properties that limit their use for tissue 

engineering. Therefore, researchers at i3Bs have reinforced these biomaterials by 

developing a nanocomposite hydrogel containing functionalized cellulose 

nanocrystals (a-CNC). The resulting nanocomposite hydrogels have tunable 

mechanical, structural, and biochemical properties optimal for stem cell 3D culture. 

However, HUgel has never been used for skeletal muscle tissue engineering before. 

Here, we fabricated hydrogel casting platforms to encapsulate human muscle 

precursor cells in HUgel. The a-CNC content was modulated to enhance matrix 

remodeling, uniaxial tension, and self-organization of the cells, resulting in the 

formation of highly aligned, long myotubes expressing SAA. Moreover, the 

bioengineered human muscles were subjected to electrical stimulation, and the 

exerted contractile forces were measured in a non-invasive manner. Notably, we 

found that 0.2% w/v of a-CNC resulted in high matrix compaction without 

compromising tissue stability and durability. Finally, our preliminary results 

demonstrated that the bioengineered human skeletal muscles could be used in xeno-

free cell culture platforms to assess tissue functionality, which is promising for drug 

development applications. 

 

13 The following are unpublished results from a manuscript in preparation. 
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4.4.1. Introduction 

Engineered human skeletal muscle tissues are promising new tools to 

accelerate the drug development process of muscle-related diseases, such as 

muscular dystrophies. In particular, these engineered tissues represent more 

efficient and predictive in vitro models that can be used in preclinical research stages, 

complementing traditional 2D assays and reducing the need for animal models 

[61,146]. Advances generated in this field could also be applied to regenerative 

medicine. Concretely, tissue replacements could be engineered at a larger scale to 

treat volumetric muscle loss [178,307]. Native skeletal muscle tissue comprises 

aligned multinucleated fibers formed by the fusion and differentiation of muscle 

precursor cells [63,68]. Therefore, tissue engineering strategies are based on 

encapsulating muscle precursor cells in a suitable biomaterial scaffold that mimics 

the extracellular matrix (ECM) 3D architecture and provides topographical and 

microenvironmental cues to guide cell alignment and fusion [61]. 

Nowadays, the most common biomaterials used for skeletal muscle tissue 

engineering are gelatin methacryloyl (GelMA) [176,177,183,191,291,309,332], 

collagen [178,184,192,208], and fibrin [173,186,193,201–205,207,211,333]. These 

natural biomaterials are usually modified or reinforced to improve their mechanical 

or biological properties. For instance, photocrosslinkable GelMA has been combined 

with other biomaterials such as cellulose, alginate, or poly(ethylene glycol) (PEG), to 

generate long-lasting micropatterned composite hydrogels with a slower degradation 

rate [291,309,332]. On the other hand, collagen and fibrin have been widely 

combined with Matrigel® [193,201–203,208,211] or GeltrexTM [204,333], which are 

commercial basement membrane ECM products derived from the Engelbreth–Holm–

Swarm (EHS) murine tumor cells. Matrigel® and GeltrexTM contain various structural 

proteins, including laminin, collagens (mainly collagen IV), entactin, and the heparin 

sulfate proteoglycan perlecan [334]. Moreover, these EHS matrices have several 

tumor-derived growth factors, cytokines, and enzymes contributing to their biological 

function [335,336]. Although these have been useful materials for 3D cell culture, 

their complex, ill-defined, and highly variable batch-to-batch composition 

compromises the reproducibility and accuracy of cell-based assays [335,337,338]. 

Furthermore, these materials are not xeno-free. Nearly all 3D models of human 

skeletal muscle published to date have used materials derived from xenogenic 

tissues, such as gelatin from porcine skin [183,205,332], collagen from rat tail 
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[183,208], fibrinogen from bovine plasma [201–204,333], or decellularized ECM 

(dECM) from porcine muscle [206]. This limits any clinical application of engineered 

tissues in regenerative medicine due to the possible presence of xenogenic 

contaminants from animal-derived ECM [339,340]. Moreover, animal-derived serum 

in culture media could reduce sensitivity to drug toxicity within in vitro testing 

platforms [14]. 

Platelet lysate (PL) from human plasma is an attractive alternative biomaterial 

for xeno-free scaffold formation. PL formulations are prepared by freeze/thaw cycles 

or by ultrasounds that cause platelet disruption without adding any clot activator to 

release PL content, resulting in a reproducible batch-to-batch composition [341–

343]. Apart from a rich environment of growth factors and cytokines, PL contains 

ECM precursors like fibrinogen and vitronectin. Hence, PL hydrogels can be formed 

through thrombin-activated induction of the coagulation cascade, obtaining fibrin-

based fibrillar gels [344]. Although these are interesting materials, their potential as 

scaffolds for 3D cell culture is restricted by their poor structural stability and 

mechanical properties [345]. Additionally, the intrinsic PL growth factors and 

cytokines are not well-retained in PL gels [344]. To overcome these limitations, PL 

gels can be reinforced with nanomaterials that provide additional functionalities. 

Mendes and colleagues have developed a nanocomposite fibrillar hydrogel (HUgel) 

based on the induction of the human PL coagulation cascade while incorporating 

cellulose nanocrystals modified with surface aldehyde groups (a-CNC) [222]. In this 

material, the a-CNC act as nanofillers that are entrapped in the PL fibril structure, 

crosslinked through reversible Schiff base bonds with the amine groups of the PL 

proteins. The resulting nanocomposite hydrogels have tunable mechanical and 

biochemical properties that can help modulate the behavior of encapsulated stem 

cells, such as human adipose-derived stem cells (hASCs). It has been demonstrated 

that increasing a-CNC content in PL hydrogels causes an increase in fiber diameter, 

interfibrillar porosity, and stiffness. Moreover, a-CNC loading hinders the typical fast 

clot retraction and improves bioactive molecule retention, controlling the 3D cell 

microenvironment. HUgel has also been used as bioink for bioprinting hierarchical 

fibrillar structures for stem cell 3D cell culture without the need for animal-derived 

serum supplementation [223]. Remarkably, the serum-free cell culture of hASCs in 

HUgel was compared to GelMA and alginate bioinks. The results showed that, in 

contrast to the other polymers, HUgel enhances cell spreading and proliferation, and 

stimulates the production of cell-secreted ECM. 
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Here, we employed this human platelet lysate-based nanocomposite 

hydrogel as a scaffold for the 3D culture of human muscle satellite stem cells. This 

model was developed by encapsulating human muscle satellite stem cells in HUgel 

around a pair of flexible posts in hydrogel casting platforms. The a-CNC content was 

modulated to favor uniaxial tension, self-organization, cell fusion, and differentiation 

into long multinucleated myotubes. Furthermore, the functionality of the 

bioengineered human skeletal muscle tissues was demonstrated by force 

measurements of the electrical stimulation-induced contractions. Overall, these 

preliminary results indicate the great potential of human platelet lysate-based 

nanocomposite hydrogels for in vitro models of skeletal muscle tissue. These 

bioengineered human tissues could be used as drug screening platforms for 

muscular dystrophies by incorporating patient-derived satellite cells. Remarkably, the 

xeno-free characteristics of this in vitro 3D model could enable the transition into 

clinical applications for regenerative medicine. 

4.4.2. Experimental procedure 

Cell culture 

Human immortalized muscle satellite stem cells (HuMSCs) were provided by 

Dr. Bénédicte Chazaud from the Institute of Myology (Lyon, France). Primary muscle 

satellite stem cells were previously isolated from a healthy 14-year-old muscle biopsy 

and immortalized using CDK-4/hTERT expression. Cells expressing PAX7 were 

grown in Skeletal Muscle Basal Medium (PromoCell), containing skeletal muscle 

supplemental mix (#C-39365, PromoCell), 1% v/v penicillin/streptomycin (P/S, 10000 

U mL-1, Thermo Fisher Scientific), and 10% v/v fetal bovine serum (FBS, Thermo 

Fisher Scientific). The growth medium added after cell encapsulation did not contain 

FBS but was supplemented with 1 mg mL-1 of 6-amino-n-caproic acid (ACA, Sigma-

Aldrich). The differentiation medium (HMDM) consisted of DMEM, high glucose, 

GlutaMAX™ (Gibco, Thermo Fisher Scientific), 1% v/v Penicillin-Streptomycin-

Glutamine (P/S-G, 100 X, Gibco, Thermo Fisher Scientific), 1% v/v Insulin-

Transferrin-Selenium-Ethanolamine supplement (ITS-X, 100 X, Gibco, Thermo 

Fisher Scientific), and 1 mg mL-1 of ACA. 

Fabrication of the hydrogel casting platforms 

The hydrogel casting platforms were designed using Fusion 360 software 

(Autodesk) as circular chips (8 mm diameter) with a rectangular well of 35 µL 
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volumetric capacity, containing two T-shaped posts (diameter: 0.8 mm; height: 3.25 

mm) (Figure 4.23A). In this protocol, polydimethylsiloxane (PDMS) replicas of a 3D 

printed master mold were obtained by EcoflexTM (00-30, Smooth-On) negative 

intermediary molds.14 

Fabrication of the master mold 

First, the master mold was generated by transforming the platform design into 

an STL file for projector-based stereolithography 3D printing using a Solus DLP 3D 

Printer (Reify 3D) with an opaque orange resin (SolusProto, Reify 3D) that withstands 

high temperatures. The hard 3D printed molds were silanized by chemical vapor 

deposition (CVD) of trichloro(1H,1H,2H,2H-perfluorooctyl)silane (PFOTS, Sigma-

Aldrich). Briefly, the surface of 3D printed molds was activated with oxygen plasma 

for 30 s and immediately placed in a vacuum desiccator with 5 drops of PFOTS for 

1 h. After deposition, the silanized 3D printed master mold was left in an oven for 1 

h at 80 ºC. 

Fabrication of the negative mold 

The EcoflexTM negative mold was made by mixing the two prepolymers 

(1A:1B, approximately 15 g of each prepolymer). Before beginning, prepolymer B 

had to be thoroughly pre-mixed. Then, A and B were thoroughly mixed for 3 minutes. 

The mixture was placed in a vacuum desiccator for 5 min to remove entrapped air. 

After, the liquid prepolymer was poured on the 3D printed master mold and degassed 

inside the vacuum desiccator for 15 minutes. The EcoflexTM was cured at room 

temperature overnight. Finally, the cured polymer was carefully peeled off from the 

3D printed master mold, washed with ethanol, and dried with N2 flow and on a hot 

plate (90 ºC, 10 min) before silanization with PFOTS (following the same procedure 

as with the 3D printed master mold). 

Replica molding of PDMS platforms 

The PDMS polymer elastomer base and curing agent were weighted in a 10:1 

ratio. After thoroughly mixing, we degassed the polymer in a vacuum desiccator. The 

uncured PDMS was poured on the EcoflexTM mold (placed in a glass Petri dish), and 

the trapped air in the post area was removed with a syringe. Then, the mold was left 

inside a vacuum desiccator until all the trapped air was removed. After, the PDMS 

 

14 Hydrogel casting platforms were designed by Dr. Juan M. Fernández-Costa and fabricated by 
Lluís Mangas from the Biosensors for Bioengineering Research Group at IBEC. 
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was cured at 80 °C for 6 h. Before demolding, PDMS was left for additional curing at 

room temperature overnight. PDMS was then detached from the EcoflexTM and 

cleaned by sonication in Milli-Q water and 2-propanol for 5 min. Then, individual 

PDMS platforms were cut using an 8 mm diameter biopsy punch. Finally, a cover 

glass was bonded to each platform base by activating the glass and PDMS platform 

base with UV plasma for 15 min before joining the two surfaces. Before cell 

encapsulation, platforms were washed with 2-propanol and water. 

Preparation of the nanocomposite hydrogel (HUgel) 

Preparation of HUgel precursors 

Human platelet lysate (PL) was purchased from STEMCELLTM Technologies. 

Aldehyde-cellulose nanocrystals (a-CNC) were prepared at the Research Institute 

on Biomaterials, Biodegradables, and Biomimetics (i3Bs, University of Minho, 

Portugal) [222,223]. Cellulose nanocrystals (CNC) were extracted from 

microcrystalline cellulose powder (Sigma-Aldrich) by sulphuric acid hydrolysis. 

Briefly, concentrated sulphuric acid (Sigma-Aldrich) was added dropwise to the 

microcrystalline cellulose powder up to a final concentration of 64% w/v. The 

obtained suspension was heated at 44 ºC for 2 h. Then, the suspension was collected 

and stored at 4 ºC. To produce a-CNC, sodium periodate (NaIO4, Sigma-Aldrich) was 

added to a 1.5% w/v CNC aqueous suspension in a 1:1 molar ratio (NaIO4:CNC) for 

12 h. Finally, the concentration of the working suspension was adjusted by 

concentrating it against poly(ethylene glycol) (20.000 kDa, Sigma-Aldrich) using 

benzoylated cellulose dialysis membranes (2000 Da NMWCO, Sigma-Aldrich). Stock 

water dispersions of a-CNC were prepared and fully characterized in previous works 

by researchers from the i3Bs Research Group [222,223]. 

Cell encapsulation by HUgel casting in PDMS platforms 

PDMS casting platforms were treated with 0.2% Pluronic® (F-127, Sigma-

Aldrich) for 20 minutes to avoid hydrogel attachment to the PDMS well. After 

treatment, the platforms were washed 3 times with phosphate buffered saline (PBS) 

and sterilized with UV light. For cell encapsulation, HuMSCs were detached and 

resuspended in PL. In these experiments, we worked with final cell densities of 0.5, 

1, or 2.5 x 107 cells mL-1. The a-CNC water dispersion was placed in a sterile 

Eppendorf tube at the desired concentration and sonicated for 5 minutes. Then, the 

suspension was mixed with thrombin from human plasma (2 U mL-1, Sigma-Aldrich) 
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and CaCl2 (10 mM, Sigma-Aldrich). The cell suspension in PL was thoroughly mixed 

in a 1:1 ratio with the suspension containing a-CNC, thrombin, and CaCl2. Finally, a 

volume of 35 µL of the mixture was carefully placed inside each PDMS platform well 

(Figure 4.23B). The samples were allowed to crosslink at 37 ºC for 30 min before 

adding growth medium. After two days, the medium was switched to differentiation 

medium. Then, half of the medium was replaced every two days. The 3D culture was 

carried out under shaking conditions inside an incubator (37 ºC, 5% CO2). 

Immunofluorescence staining 

The bioengineered human muscle tissues were fixed with 10% formalin 

solution (Sigma-Aldrich) for 30 min at RT, followed by several washes in PBS. 

Samples were then permeabilized with PBS-T (0.1% Triton-X (Sigma-Aldrich) in 

PBS), blocked (0.3% Triton-X, 3% donkey serum (Sigma-Aldrich) in PBS) for 2 h at 

RT, and incubated with monoclonal mouse anti-sarcomeric α-actinin (SAA) primary 

antibody (1:200, Sigma-Aldrich) at 4 °C overnight. After several PBS-T washes, the 

samples were incubated for 2 h with polyclonal donkey anti-mouse IgG, Alexa Fluor 

488-conjugated secondary antibody (1:200, Invitrogen), and rhodamine-phalloidin 

(1:200, Cytoskeleton)  to stain F-actin, at RT. Finally, the samples were 

counterstained with DAPI (4',6-diamidino-2-phenylindole, Life Technologies) to 

detect the nuclei. The complete protocol was performed under shaking conditions. 

Electrical Pulse Stimulation 

After 7 days in differentiation medium, the bioengineered 3D human skeletal 

muscle tissues were subjected to electrical pulse stimulation (EPS). EPS was 

performed with a custom-made stimulation plate consisting of graphite electrodes 

assembled on a 12-well plate lid.  First, the stimulation plate containing the tissues 

was placed inside a Zeiss Axio Observer.Z1/7 microscope outfitted with the XL S1 

cell incubator at 37 ºC and on a 5% CO2 atmosphere. Then, the electrodes were 

connected to a multifunction generator (NF Corporation), and the frequency and 

amplitude of the signals were confirmed using a digital oscilloscope (QUIMAT). 

Finally, the muscle tissues were subjected to a stimulation regime of square pulses 

with a 10% duty cycle, an electrical field strength of 1 V/mm, and frequencies from 1 

to 50 Hz to evaluate tissue response (see Figure 4.27A).15 

 

15 The electrical stimulation well-plate was custom-made by Dr. José Yeste from the Biosensors for 
Bioengineering Research Group at IBEC. 
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Imaging 

Live-cell imaging was performed with the Zeiss Axio Observer.Z1/7 

microscope outfitted with the XL S1 cell incubator. All images were taken at 37 ºC 

and on a 5% CO2 atmosphere and processed using the Fiji image processing 

package, a distribution of ImageJ [218,224]. In addition, fluorescence images were 

taken with a ZEISS LSM800 confocal laser scanning microscope and analyzed using 

the Imaris microscope image analysis software (Oxford instruments). 

Force measurements 

The post deflections during tissue contractions were recorded and analyzed 

using Fiji. The force-displacement relationship for the posts was estimated using 

linear bending theory based on previously published protocols (Figure 4.22) 

[188,209]. The Young’s modulus of the PDMS (10:1) was previously measured as 

1.6 ± 0.1 MPa. Considering the posts’ geometry and dimensions, we calculated a 

spring constant (k) of 3.54 N/m. The spring constant was used to transform the 

recorded post deflections (d) into the force generated by the bioengineered 3D 

skeletal muscle tissues (F). 

Statistical analysis 

All group data are expressed as mean ± SEM. The comparisons between 

groups were performed using Prism 8 software (GraphPad) by a two-tailed Student 

t-test (α = 0.05), applying Welch's correction when necessary. Differences between 

groups were considered significant when p< 0.05. 

Figure 4.22. Characterization of the post mechanical properties. The force exerted by the 

skeletal muscle tissues is calculated from the post geometry and mechanics. Diameter (D), total 

length (L), length from the bottom of the post to the centroid of the cap (α), deflection (d), and Young’s 

modulus of the PDMS (E). 
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4.4.3. Results and discussion 

Human skeletal muscle tissue formation in hydrogel casting 
platforms 

Efficient myotube formation in engineered skeletal muscle tissues requires 

adequate topographical and microenvironmental signals that favor cell alignment and 

fusion. When scaffolds are made of compactable biomaterials, such as collagen, 

EHS matrices, or fibrin, the most common fabrication approach consists of 

introducing tendon-like attachment points to provide uniaxial tension during ECM 

remodeling [187]. Following this strategy, fibrin-Matrigel® and fibrin-GeltrexTM 

hydrogels have been cast in silicone molds with nylon frames or hooks as anchor 

points [201–204]. The resulting muscle tissue bundles needed to be manipulated and 

transferred to a different platform for stimulation and force measurements. Another 

widely used method involves cell-laden matrix compaction around a pair of flexible 

silicone posts [186,193,204,208,333]. Besides providing uniaxial tension, these 

hydrogel casting systems allow in situ tracking of post deflection due to tissue 

contraction. Furthermore, these deflections can be transformed into force 

measurements. Considering these advantages, we fabricated hydrogel casting 

platforms containing two flexible posts as anchor points (Figure 4.23A). The final 

PDMS platforms were fabricated by replica molding of 3D printed master molds, 

using EcoflexTM as reusable intermediary negative molds. EcoflexTM is a platinum-

catalyzed silicone, which is cured at room temperature, resulting in a highly 

stretchable material that can be applied as a fully deformable elastic mold [346]. The 

individual platforms were designed as circular chips that fit inside 48-well plates. 

Each platform has a rectangular casting well with a volumetric capacity of 35 µL and 

contains a pair of posts that direct tissue formation. Crucially, to ensure that tissues 

are retained under tension, we designed hook-like features on the top of each post. 

Human platelet lysate-based nanocomposite hydrogels (HUgel) were 

fabricated following a previously published protocol based on the formation of fibrin-

based scaffolds [222]. In this work, human immortalized muscle satellite stem cells 

(HuMSCs) expressing PAX7 were encapsulated in HUgel by hydrogel casting in the 

two-post PDMS platforms (Figure 4.23B). Briefly, a suspension of HuMSCs in PL 

was mixed with a-CNC water dispersions containing thrombin and calcium ions. The 

mixture was carefully pipetted into the rectangular PDMS wells and crosslinked for 

30 minutes at 37 ºC before adding cell culture media. We fixed the concentrations of 
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thrombin (1 U mL-1) and CaCl2 (5 mM) according to the previous study by Mendes et 

al. [342]. For the initial experiments, a-CNC was mixed at a final concentration of 

0.5% w/v, and cells were encapsulated at a density of 5 x 106 and 1 x 107 cells mL-1 

(Figure 4.23C). We observed that the cell-laden HUgel matrix started to detach 

slowly from the PDMS after two days of culture. Hydrogel compaction due to matrix 

remodeling by the encapsulated cells could be observed after four days. At this time, 

tissues containing 1 x 107 cells mL-1 were more compacted than those with fewer 

cells. Matrix remodeling is essential in these casting systems to implement uniaxial 

tension and induce self-organization during tissue formation [333,347]. 

Consequently, cell density was increased to 2.5 x 107 cells mL-1 for future 

experiments. 

Figure 4.23. Human muscle satellite stem cells encapsulation in a human platelet lysate- 

based nanocomposite hydrogel (HUgel). (A) Two-post platforms were designed and fabricated 

by 3D printing and PDMS replica molding, using EcoflexTM as reusable negative intermediary molds. 

(B) Schematic of preparation of the HUgel and cell encapsulation. Cells are resuspended in human 

platelet lysate (PL) at the appropriate cell density. Then, the PL is mixed with the aldehyde cellulose 

nanocrystals (a-CNC) water dispersion containing CaCl2 and thrombin. The mix is then pipetted into 

the two-post platforms and allowed to crosslink for 30 min at 37 ºC. Finally, growth medium is added 

to the platforms. (C) Bright-field images of HUgel compaction after 4 days in culture with cell densities 

of 5 x 106 cells mL-1 and 1 x 107 cells mL-1. 
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a-CNC content can be modulated to promote myotube formation 

The physical and biological properties of nanocomposite hydrogels with 

varying a-CNC content have been extensively characterized in previous studies 

[222,223]. Significantly, researchers found that increasing a-CNC content hampers 

the typical fast densification of the fibrin matrix, which is referred to as clot retraction. 

In some tissue engineering applications (e.g., for space-filling of wounded tissues), 

extensive clot retraction is considered an undesirable hydrogel effect. Nevertheless, 

for skeletal muscle tissue formation, the contractile effect of the cell-laden matrix 

contributes to implementing uniaxial tension that facilitates the self-organization and 

alignment of myoblasts. At the same time, the matrix compaction favors myoblast 

fusion into myotubes. Here, we modified the content of a-CNC to obtain long-lasting 

scaffolds with high clot retraction properties that promote skeletal muscle tissue 

formation (Figure 4.24A). Encapsulating human skeletal muscle satellite stem cells 

in a high density of 2.5 x 107 cells mL-1 resulted in HUgel detachment from the PDMS 

casting platforms within a few hours of culture. The matrix compaction after 12 h was 

calculated as the percentage of reduction in tissue width (Figure 4.24B). We found 

that the initial working concentration of 0.5% w/v a-CNC resulted in 25.7 ± 1.6% of 

matrix compaction, whereas the tissues without a-CNC presented extensive 

compaction of 66.4 ± 4.3%. However, the lack of mechanical reinforcement from a-

CNC caused hydrogel degradation, so the samples broke and collapsed between 

12-60 h after cell encapsulation. On the other hand, hydrogels with a low content of 

Figure 4.24. HUgel clot retraction increases with decreasing a-CNC content. (A) Representative 

bright-field images of cell-laden hydrogels after 12 h and 48 h. Human muscle satellite stem cells 

(HuMSCs) were encapsulated at a density of 2.5 x 107 cells mL-1. a-CNC content was modulated 

between 0 and 0.5% w/v. (B) Bar graph quantification of matrix compaction measured as the 

percentage of reduction of tissue width after 12 h of HuMSCs encapsulation. **p < 0.01; ***p < 0.001; 

****p < 0.0001.   
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a-CNC (0.3 and 0.2% w/v) offered a high retraction from the beginning of the culture 

(33.6 ± 2% and 46.7 ± 1.1%, respectively) and were stable for at least two weeks.  

PL gels are attractive scaffolding materials for stem cell encapsulation 

because PL contains structural proteins like fibrinogen, as well as growth factors and 

cytokines that stimulate cell growth and proliferation [342,345]. However, PL gels 

alone do not retain these growth factors within the scaffold during culture. Therefore, 

the impact of a-CNC content on the sequestering and release profile of proteins from 

the HUgel scaffolds was previously investigated [222]. The results indicated that the 

a-CNC play an important role in growth factor retention within the HUgel scaffolds 

due to the formation of a protein corona on the CNC surface. Nevertheless, the 

precise mechanisms and interactions need to be further studied. Notably, 

nanocomposite hydrogels with high a-CNC content (at least 0.61% w/v) are optimal 

for hASCs cell encapsulation, where proliferation during cell culture is desired 

[222,223]. On the contrary, in skeletal muscle tissue engineering, differentiation of 

muscle precursor stem cells requires that cells stop proliferating and exit the cell 

cycle in order to fuse and differentiate into multinucleated myotubes. In fact, all cell 

culture protocols for differentiating skeletal muscle cells involve removing growth 

Figure 4.25. Bioengineered in vitro 3D model of human skeletal muscle tissue in a xeno-free 

culture system. (A) Timeline of the experiments. (B-D) Representative confocal images showing 

long, aligned myotubes expressing sarcomeric α-actinin (SAA, green) in nanocomposite hydrogels 

containing 0.2% w/v a-CNC. F-actin is stained in red and nuclei in blue. Scale bars: (B): 200 µm, (C-

D): 100 µm. 



RESULTS 

195 
 

factors and reducing the animal serum present in the basal media [14]. Thus, a 

microenvironment rich in growth factors could hinder adequate differentiation. 

Considering the matrix compaction properties and the expected growth factor 

release profiles, we selected a-CNC content of 0.2% w/v for the following 

experiments with HuMSCs. The growth medium was replaced by a serum-free 

differentiation media (DM) 48 h after cell encapsulation (Figure 4.25A). After one 

week in differentiation media, samples were fixed, and the xeno-free bioengineered 

muscle tissues were stained for sarcomeric α-actinin (SAA, green), F-actin (red), and 

nuclei (blue) (Figure 4.25B-D). The confocal images showed long, highly aligned, 

multinucleated myotubes expressing SAA (Figure 4.25B). 

Nanocomposite hydrogels support the formation of functional 
human skeletal muscle tissues in a xeno-free cell culture system 

The functionality of bioengineered muscle tissues was assessed by their 

response to electrical pulse stimulation (EPS). As described above, one of the 

advantages offered by hydrogel casting around two flexible posts is performing in 

situ force measurements. In these systems, characterization of the posts’ mechanics 

allows the conversion of the post deflections (caused by contractile tissues) into force 

measurements [333,348]. Therefore, measurements are non-invasive and 

compatible with cell culture conditions. 

We performed EPS using graphite electrodes fixed on a modified 12-well 

plate lid. Bioengineered muscle tissues were subjected to EPS after one week in 

differentiation conditions (Figure 4.26A). At this time, myotubes in tissue borders 

could be observed through bright-field microscopy. We did not observe any 

spontaneous contractions without electrical stimulation. However, the bioengineered 

human skeletal muscle tissues responded to electrical stimulation, presenting twitch 

or tetanic contractions depending on the applied frequencies (Figure 4.26B). 

Furthermore, immunostaining of electrically stimulated and control (non-stimulated) 

tissues was performed after the experiments. Confocal images of SAA stainings 

showed the presence of striations (white arrows in Figure 4.27), indicating myotube 

maturation in some of the myotubes after only 7 days of differentiation. Notably, these 

striated myotubes were only present in electrically stimulated tissues. Nonetheless, 
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we expect extended culture periods combined with electrical stimulation training 

regimes would improve myotube maturation, obtaining uniformly striated myotubes. 

Finally, the bioengineered human skeletal muscle tissues were subjected to 

a frequency sweep EPS regime going from low to high frequencies, according to the 

scheme in Figure 4.28A. As a proof-of-concept to compare tissue functionality 

between different conditions, force measurements were performed for HUgel 

formulations containing 0.3 and 0.2% w/v a-CNC. Remarkably, increasing a-CNC 

content led to a significant force reduction, and the maximum tetanus contractile 

force with 0.3% a-CNC was approximately four times lower than with 0.2% a-CNC. 

The differences in generated tissue force could be explained by the enhanced 

myotube differentiation and maturation resulting from the uniaxial tension during 

matrix compaction in 0.2% a-CNC HUgel. Moreover, increasing a-CNC content 

protects against growth factor release from the hydrogel during culture. As explained 

above, this continuous growth factor presentation is not suitable for skeletal muscle 

differentiation; nevertheless, further studies need to be performed to confirm this 

hypothesis.  

  

Figure 4.26. Bioengineered 3D human skeletal muscle tissues respond to electrical pulse 

stimulation (EPS). (A) Timeline of the experiments. (B) Representative force measurement line 

graphs obtained for the EPS of tissues containing 0.2 % w/v a-CNC show twitch (left) and tetanus 

(right) contractions with applied frequencies of 2 Hz and 50 Hz, respectively. 
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Perspectives of this work 

Altogether, these preliminary results highlight the potential of platelet lysate-

based nanocomposite hydrogels to develop bioengineered skeletal muscle tissues 

as functional xeno-free in vitro models. Taking advantage of the tunable physical and 

biological properties of these nanocomposite hydrogels, we optimized HUgel’s 

formulation to generate contractile human skeletal muscle tissues. As mentioned 

Figure 4.27. Electrically stimulated myotubes present striations after one week of 

differentiation. Upper panel: Representative confocal images of electrically stimulated 

bioengineered human skeletal muscle tissues fabricated with 0.2% w/v a-CNC. White arrows point 

to striated myotubes. Bottom panel: 3D reconstructions of electrically stimulated myotubes (left) vs 

myotubes without EPS (right). Striations are only observed in electrically stimulated myotubes. SAA 

is stained green, F-actin in red, and nuclei in blue. Scale bars: 20 µm. 
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above, the maturation of these bioengineered tissues could be enhanced by 

increasing culture time and by electrical stimulation training. Moreover, an in-depth 

characterization of the obtained myotubes will be performed in the subsequent 

experiments, including gene expression analyses to study the difference in 

maturation between a-CNC loadings. 

The application of this biomaterial for the 3D cell culture of human adipose 

stem cells has been explored in previous works [222,223]. However, at present, 

HUgel has not been used for the generation of any tissue models. Furthermore, the 

use of this biomaterial would offer several advantages for skeletal muscle tissue 

engineering, such as the low batch-to-batch variability of its components and its 

xeno-free characteristics. In fact, there are no xeno-free skeletal muscle tissue 

models reported to date. For drug development applications, xeno-free tissue models 

could provide increased relevance by eliminating animal-derived materials and 

reagents that could reduce sensitivity to drug effects. Additionally, the nature of these 

nanocomposite hydrogels offers excellent potential to develop personalized tissues 

that could be used for in vitro studies, and at the same time, could have a more 

straightforward translation from bench to bedside. 

Figure 4.28. Electrical pulse stimulation (EPS) and force measurement graphs. (A) EPS 

scheme. (B) EPS response from bioengineered human skeletal muscle tissues fabricated with 

nanocomposite hydrogels containing 0.3% (left) and 0.2% w/v (right)  a-CNC. Lower a-CNC content 

lead to stronger bioengineered skeletal muscles. Line graphs represent mean force values (n = 3). 

(C) Bar graph quantification of the maximum tetanus contractile forces generated by the 

bioengineered human skeletal muscle tissues with 0.3 and 0.2% w/v a-CNC. ***p < 0.001. 
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4.4.4. Conclusions 

In this work, for the first time, a human platelet lysate-based nanocomposite 

hydrogel (HUgel), consisting of platelet lysate and cellulose nanocrystals, was used 

as a scaffold to develop in vitro functional human skeletal muscle tissues in a xeno-

free system. The previously reported tunability of the mechanical, biochemical, and 

structural properties of the HUgel, enabled the generation of long, aligned 

multinucleated human myotubes in a custom 3D cell culture platform. In addition, this 

in vitro system provided electrical stimulation and supported force measurements of 

contractile bioengineered human skeletal muscle tissues. Overall, we showed that 

HUgel has a great potential in skeletal muscle tissue engineering for in vitro disease 

modeling. Remarkably, the xeno-free conditions could also enable future clinical 

applications in regenerative medicine. 
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The skeletal muscle has a crucial role in thermogenesis, locomotion, and 

metabolism maintenance. This tissue is composed of bundles of aligned and 

multinucleated myofibers formed by the fusion of muscle precursor cells during 

myogenesis [68]. The complex molecular architecture of the skeletal muscle can be 

affected during exercise, aging, or by pathological conditions, influencing its 

functionality [349]. Studying skeletal muscle in physiology or pathology involves in 

vitro and in vivo models. These strategies have several limitations. For instance, in 

vitro studies are traditionally performed on 2D cell cultures, where precursor cells are 

seeded and differentiated on flat, rigid substrates far from mimicking the native 

muscle microenvironment [14]. Furthermore, in vivo animal models are limited by 

species-specific differences with humans [8,350], and the use of animals presents 

several ethical issues [351]. In contrast, 3D cell culture platforms consist of 

engineered skeletal muscle tissues that can better emulate the in vivo muscle 

environment and could help reducing animal experimentation [352]. Hence, there is 

great interest in developing in vitro tissue-engineered 3D culture platforms to 

complement the standard research models. 

In recent years, technological advances in biofabrication have enabled an 

improved spatial organization in engineered tissues compared to traditional models 

[350]. Moreover, microfabricated engineered tissues can be integrated with 

microfluidic chips and biosensing systems to develop microphysiological platforms 

or organs-on-a-chip (OOCs) devices [180,353,354]. These microphysiological 

platforms enable in situ monitoring of tissue behavior under various circumstances, 

including drug administration and other microenvironmental conditions. Thus, OOCs 

have broad applications in precision medicine, drug screening, and toxicology [355]. 

Additionally, generating human skeletal muscle tissue models from the patients’ cells 

would significantly advance the drug development process for muscle-related 

diseases [155,307]. Considering the potential impact in this field, the main objective 

of this doctoral thesis was to develop 3D skeletal muscle tissues for in vitro studies 

of muscle metabolism and disease modeling.  

Skeletal muscle tissue engineering requires encapsulation of muscle 

precursor cells (myoblasts) in a suitable biomaterial scaffold [14,68,226,242]. 

Therefore, the first task of this work was fabricating and characterizing long-lasting 

biomaterials for the 3D cell culture of skeletal muscle cells. This biomaterial should 

have adequate porosity, biochemical signals, and topographical cues to guide in vitro 
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myogenesis [179]. Some of these characteristics influence other physicochemical 

properties, such as degradability and mechanical stiffness, which are important for 

long-lasting 3D skeletal muscle models. Hydrogels derived from mammalian 

animals, such as collagen and fibrin, are widely used for tissue engineering due to 

the intrinsic presence of cell adhesion motifs (RGD sequences) and degradation 

sites. Among these, we selected gelatin methacryloyl (GelMA) hydrogels. GelMA is 

derived from gelatin, which is denaturalized collagen [245]. Compared to other 

natural hydrogels, GelMA offers several advantages; for instance, it also contains 

methacrylate and methacrylamide functional groups that enable 

photopolymerization. Notably, combining photopolymerization with biofabrication 

strategies, such as 3D bioprinting or micromolding, allows precise control of the 

hydrogel’s topography. As a photocrosslinkable hydrogel, GelMA has shown 

outstanding biocompatibility for cell seeding and encapsulation [47,213,273]. 

However, cell-mediated degradation of pristine GelMA scaffolds can compromise 

their mechanical integrity and durability [249]. To address this issue, we 

copolymerized GelMA with other photocrosslinkable biomaterials that are not 

degradable by mammalian cells, obtaining long-lasting composite hydrogels. 

GelMA was mixed with a synthetic biomaterial, poly(ethylene glycol)diacrylate 

(PEGDA), and two polysaccharides: alginate methacrylate (AlgMA) and 

carboxymethyl cellulose methacrylate (CMCMA). Although GelMA has previously 

been copolymerized with PEGDA [356] and AlgMA [260] for tissue engineering 

applications, GelMA-CMCMA composite hydrogels had not been studied before this 

work. First, GelMA, AlgMA, and CMCMA were synthesized, and the methacrylation 

of the three prepolymer precursors was confirmed by 1H-NMR. PEGDA was obtained 

from a commercial supplier. In addition, we worked with the C2C12 murine myoblasts 

cell line, which has well-established culture protocols for skeletal muscle studies 

[151,152]. Then, GelMA-AlgMA, GelMA-PEGDA, and GelMA-CMCMA composite 

hydrogels were fabricated, characterized, and compared to pristine GelMA in terms 

of cell viability and physicochemical properties. Finally, their application for 3D 

bioprinting of skeletal muscle tissue was evaluated. 

Cell encapsulation in photocrosslinkable hydrogels is accomplished by free 

radical polymerization in the presence of a photoinitiator and UV light. Thus, after 

this procedure, cell survival depends on different critical factors, such as UV 

wavelength, energy dose, type of photoinitiator, and photoinitiator concentration. To 
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guarantee the biocompatibility of our protocol, we designed a multifactorial analysis 

for the evaluation of cell metabolic activity under different fabrication conditions. We 

fabricated pristine GelMA and GelMA-based composite hydrogels with the UV 

module (365 nm) of our 3D bioprinter. The encapsulation procedure is considered 

biocompatible when cells are exposed to a low dose of long-wave UV light [313]. 

Since the UV light intensity could not be adjusted, the received energy dose 

depended on the UV exposure time. Our analysis indicated that a short exposure 

time (5 s) and low photoinitiator concentration (0.1% w/v) resulted in significantly 

higher cell viability than 25 s and 0.4%, respectively. This result can be explained 

because the free radicals dissociating from the photoinitiator after UV exposure can 

be cytotoxic [50]. For this reason, photoinitiator concentration also requires careful 

optimization to obtain adequate crosslinking without causing cell damage. 

Additionally, we compared two photoinitiators, 2-hydroxy-4’-(2-hydroxyethoxy)-2-

methylpropiophenone (I2959) and lithium phenyl(2,4,6-

trimethylbenzoyl)phosphinate (LAP). Cell viability was significantly lower with LAP 

than I2959. This could be explained because LAP has a higher molar extinction 

coefficient at 365 nm than I2959 [49]. The photoinitiator molar extinction coefficient 

determines the generation of free radicals as a function of the wavelength; therefore, 

more free radicals were produced with LAP, generating cytotoxicity at high 

concentrations. Considering these findings, we fixed the following fabrication 

conditions: 5 s of UV exposure and 0.1% w/v of photoinitiator. Due to printability 

limits, the material concentration was established as 5% w/v of GelMA and 1% w/v 

of PEGDA, AlgMA, or CMCMA. 

 Myoblast fusion and subsequent myotube maturation require a long culture 

time, going from a few days to a couple of weeks. Moreover, engineered tissues 

should remain viable for several weeks to be helpful for drug screening applications. 

Therefore, the scaffolds need to be stable and present some resistance to cell-

mediated remodeling, which occurs by enzymatic degradation. Regarding scaffold 

stability, cylindrical hydrogels fabricated with I2959 were too weak to maintain their 

shape unless UV exposure was increased. Nevertheless, this was not desirable 

because prolonged UV exposure would reduce cell viability. As mentioned above, 

LAP generates more free radicals than I2959 [49]. This results in more efficient 

crosslinking with a very low concentration and low energy dose, obtaining stable 

structures. In fact, only the samples fabricated with LAP presented a typical swelling 

behavior. Swelling is an important property that refers to the hydrogel’s ability to 
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uptake water [357]. Since the skeletal muscle’s ECM has a water content of 

approximately 75% [358], water absorption and retention are considered desirable 

hydrogel properties to mimic the native microenvironment. Due to poor crosslinking, 

the mass loss of I2959-containing samples was more significant than their water 

uptake. On the other hand, using LAP, we found that incorporating PEGDA, AlgMA, 

or CMCMA significantly increased water content compared to pristine GelMA 

hydrogels. This effect was due to the highly hydrophilic structure of these polymers, 

especially of the polysaccharides [260]. Furthermore, we showed that incorporating 

1% w/v of PEGDA, AlgMA, or CMCMA in composite hydrogels led to a slower 

enzymatic degradation rate than GelMA hydrogels. The durability of composite 

hydrogels is attributed to the fact that these polysaccharides and synthetic PEGDA 

are not degraded by mammalian cells [257,269,270]. Remarkably, the resistance to 

degradation was pronounced in GelMA-AlgMA, where around 68% of initial mass 

remained after 4 h of incubation with collagenase type II (1.5 U mL-1), compared to 

21% of initial GelMA-PEGDA mass. At this time point, GelMA and GelMA-CMCMA 

hydrogels had completely degraded. Nevertheless, since CMCMA is not degradable 

by mammalian cells [257], GelMA-CMCMA degradation could be explained by the 

high collagenase concentration used in the experiments that completely degraded 

the gelatin fraction. Therefore, we expected that reducing the collagenase 

concentration would reveal a slower degradation rate in these composite hydrogels. 

The mechanical stiffness of the ECM can influence cell morphogenesis, 

phenotype, and function [22,23]. Here, we investigated the modulation of the 

mechanical properties of GelMA hydrogels by incorporating 1% w/v of PEGDA, 

CMCMA, or AlgMA. Although adding PEGDA had no effect, the incorporation of 

CMCMA or AlgMA caused a significant change in the compressive modulus. We 

hypothesized that adding CMCMA resulted in a less packed hydrogel network with 

more water uptake capacity; therefore, Young’s modulus was lower than that of 

GelMA hydrogels. Regarding GelMA-AlgMA, the higher values could be due to a 

secondary ionic crosslinking of alginate by the divalent cations present in the PBS 

and culture media [42]. Altogether, we obtained composite hydrogels with tunable 

compressive moduli in the range of 1.96 ± 0.16 kPa to 5.53 ± 2.01 kPa, under the 

previously established fabrication conditions. Engler and colleagues demonstrated 

that C2C12 myotubes have optimal differentiation when seeded on 2D substrates 

with tissue-like stiffness (8-11 kPa) [274]. However, this is not the case for 3D cell 

cultures. For example, Costantini et al. used increasing GelMA concentrations to 
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modulate hydrogel stiffness and showed that as the stiffness of GelMA increased, 

the encapsulated C2C12 cells lost the ability to undergo rapid and efficient 

myogenesis [191]. Thus, they obtained the best outcome for hydrogels with the 

lowest stiffness (1-3 kPa). It is important to note that myoblasts in 3D culture need to 

spread and partially digest the surrounding matrix to fuse with neighboring cells. 

Therefore, the negative impact on differentiation could be more related to the material 

concentration (high matrix densities) than to the high stiffness of the hydrogel. 

Moreover, stiffer hydrogels could be obtained by increasing polymer concentration 

or UV exposure time. Nonetheless, this would result in more packed hydrogel 

networks with reduced water uptake that could also hinder nutrient diffusion and 

transport [319,320].  

Scanning electron microscopy (SEM) analysis demonstrated that GelMA’s 

fibrillar nanostructure was preserved in composite hydrogels, displaying an 

interconnected porous network. Notably, GelMA-PEGDA hydrogels appeared more 

densely packed than GelMA and the other composites. Besides, pore size 

distribution analysis showed that the fraction of pores with diameters larger than 200 

nm was significantly reduced in GelMA-PEGDA compared to the other formulations. 

Pores larger than 200 nm in diameter are required for cell spreading and fusion within 

the matrix, as this is the minimum size for cells to extrude their filopodia [276–278]. 

In agreement, cell viability assays indicated an approximate 70% reduction in viability 

within GelMA-PEGDA than pristine GelMA, suggesting that the lack of bigger pores 

led to cell death. Importantly, we also found that cell viability was higher within the 

first 100 µm from the surface in all formulations, compared to deeper regions of the 

hydrogel samples. As various studies point out, the absence of vascularization in 

engineered tissues results in limited diffusion of oxygen and nutrients around 200 µm 

of depth [310,311]. Another factor that mildly affected cell viability with respect to 

pristine GelMA was the absence of cell adhesion sites in PEGDA, CMCMA, and 

AlgMA structures. Nevertheless, the mean values remained high for GelMA-CMCMA 

and GelMA-AlgMA. Furthermore, F-actin staining confirmed that cells could 

elongate, spread and grow within these composite hydrogels. In contrast, cells in 

GelMA-PEGDA remained mostly round with only some slight protrusions, indicating 

that the GelMA-PEGDA network was the least suitable for C2C12 growth and 

proliferation. It is important to note that although GelMA-PEGDA and GelMA-

CMCMA hydrogels had similar Young’s modulus values, their structure resulted in 

different cell behavior. Altogether, these findings proved that even though substrate 
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stiffness remains a crucial factor in 2D studies, porosity might play a more critical 

role in 3D hydrogels, influencing cell proliferation and spreading.  

Next, we evaluated the GelMA-based composite hydrogels as cell-laden 

bioinks for 3D bioprinting of skeletal muscle tissue. 3D bioprinting is one of the most 

powerful biofabrication techniques for controlling the spatial organization of cell-

laden hydrogels. Since introducing topological cues that guide cell alignment and 

fusion is essential for skeletal muscle tissue engineering [14,61,359], 3D bioprinting 

is a promising tool. It has been shown that cells with a tendency to align in vivo (e.g., 

fibroblasts, murine myoblasts, and endothelial cells) can elongate and align in vitro if 

they are geometrically confined within a suitable biomaterial [273,281]. For this 

reason, we printed arrays of thin filaments to promote skeletal muscle tissue 

formation. With extrusion bioprinting, filament thickness depends on nozzle diameter, 

pressure, and printing rate. Therefore, we used a 200 µm nozzle to avoid diffusion 

limits. Lastly, we obtained filaments of ~250 µm width and 200 μm height, dimensions 

that helped to confine myoblasts and promote their alignment and fusion into 

myotubes. 

Unlike stable composite hydrogels, pristine GelMA hydrogels lost their 3D 

shape after 11 days of culture due to enzymatic degradation. We studied cell 

morphology and differentiation by fluorescence staining of F-actin, nuclei, and 

myosin heavy chain (MHC), a protein expressed in multinucleated myotubes. 3D 

printed composite hydrogel filaments displayed a high degree of cell alignment 

compared to non-patterned 3D hydrogels. Apart from geometrically confining the 

cells, 3D bioprinting favors alignment by generating shear stress in the nozzle [182], 

which results in the alignment of the polymer chains, thus aligning their RGD cell 

adhesion sites. Finally, the differentiation quality within the filaments was evaluated 

by calculating the fusion index, using MHC as an indicator of myotube formation. 

Fusion index was similar among GelMA, GelMA-AlgMA, and GelMA-PEGDA (~60-

70%). Nevertheless, the images showed that myotubes in GelMA filaments were 

damaged and lacked 3D shape. Furthermore, GelMA-PEGDA hydrogels appeared 

to contain a lower number of myotubes due to the lower number of viable cells before 

differentiation. In contrast, GelMA-CMCMA hydrogels presented the highest 

differentiation levels with a fusion index of around 80%. These results proved that it 

is possible to engineer skeletal muscle using any of the fabricated composite 

hydrogels. The outstanding differentiation within GelMA-CMCMA hydrogels could be 
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explained by their pore size distribution, which presented the least packed fibrillar 

nanostructures and the highest percentage of larger pores (>200 nm in diameter). 

Furthermore, GelMA-CMCMA hydrogels were less resistant to matrix remodeling by 

the encapsulated cells than the other composite hydrogels, enhancing cell spreading 

and fusion without losing scaffold integrity. 

Skeletal muscle contraction is associated with several exercise-mediated 

health benefits, such as increased insulin sensitivity and glucose uptake [360,361]. 

Furthermore, the skeletal muscle was recently identified as a secretory organ that 

produces and releases myokines in response to contractile activity under different 

physiological conditions [85]. These myokines have hormone-like effects on several 

organs, including the muscle itself. One of the first discovered myokines was 

interleukin (IL)-6, which was observed to increase up to 100-fold in circulation after 

exercise [87]. Currently, hundreds of exercise-regulated myokines have been 

discovered by secretome analysis of skeletal muscle 2D cell cultures after applying 

electrical pulse stimulation (EPS) [362,363]. While EPS has been employed in 3D-

engineered skeletal muscle tissue models to induce contractile activity [reviewed in 

364], all these models focus on the forces generated by contractions and not on the 

skeletal muscle’s endocrine function. Therefore, the second part of this thesis 

consisted of developing skeletal muscle microtissues in a muscle-on-a-chip for in 

vitro monitoring of muscle-secreted cytokines. Our goal was to fabricate 3D skeletal 

muscle microtissues in a microfluidic device capable of providing electrical or 

biological stimulation and simultaneously detecting cell-secreted factors. 

Considering our earlier work, we decided to continue working with C2C12 cells and 

GelMA-CMCMA composite hydrogels with the same prepolymer and photoinitiator 

concentrations (5% w/v GelMA, 1% w/v CMCMA, and 0.1% w/v LAP). 

Although 3D bioprinting is a valuable biofabrication tool, photomold patterning 

was selected as an alternative strategy to generate cell-laden GelMA-CMCMA 

hydrogel filaments. Using photomold patterning, 3D structures can be obtained by 

exposing the cell-laden photocrosslinkable prepolymer to UV light through a 

micropatterned polydimethylsiloxane (PDMS) stamp [220]. The PDMS stamps were 

fabricated using conventional photolithography and soft lithography techniques, 

creating a reproducible pattern of microgrooves or channels with the following 

dimensions: 200 μm width, 270 μm height, and 200 μm of spacing. This technique 

offered several advantages compared to bioprinting. For example, 
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photopolymerization was performed using a UV crosslinker device that is more 

portable and cheaper than 3D bioprinters. Furthermore, our 3D bioprinter required 

the creation of a specific CAD file depending on the printing substrate. In contrast, 

photomold patterning was more straightforward since the design was incorporated 

in the microstructured PDMS stamps. Thus, hydrogels could potentially be fabricated 

on a wider variety of substrates without the need for any software, so we could 

directly fabricate them inside the microfluidic device. Moreover, the filament’s 

dimensions depended on the microstructured stamp and not on other factors (e.g., 

pressure or printing rate), which increased reproducibility. Additionally, photomold 

patterning required significantly less volume of cell-laden prepolymer solution and a 

lower amount of cells needed per experiment, reducing the final cost of the 

procedure. Lastly, the UV crosslinker device had a lower UV light intensity that 

allowed a finer tuning of the hydrogels’ physical properties using low energy doses 

(0.3-2.1 J cm-2) without compromising cell viability.  

The physical properties of GelMA-CMCMA hydrogels fabricated with UV 

exposure times from 18 to 120 s were characterized and compared to pure GelMA. 

In this system, the obtained Young’s moduli went from 0.3 to 3.9 kPa, while pure 

GelMA hydrogels presented lower values in the range of 0.2 to 1.6 kPa. Furthermore, 

the stiffness of GelMA-CMCMA hydrogels was inversely correlated to water uptake 

(swelling), confirming that prolonged UV exposure led to increased matrix 

crosslinking and smaller pores. Moreover, degradation experiments with a low 

concentration of collagenase type II (0.5 U mL-1) demonstrated that CMCMA 

incorporation results in a slower enzymatic degradation rate. Afterward, we analyzed 

the viability and morphology of encapsulated C2C12 cells. As expected, prolonged 

UV exposure led to a slight decrease in cell viability compared to short exposure 

times. However, after 10 days of culture, mean viability values remained high, 

obtaining 86 ± 7% with 60 s of exposure, compared to 92 ± 4% with 24 s of exposure. 

These results indicated that the photomold patterning procedure was biocompatible 

within our experimental conditions. As explained above, myoblasts need to elongate, 

spread, and sense neighboring cells to fuse into myotubes. Therefore, cell 

morphology becomes a more relevant factor among biocompatible hydrogels with 

high cell viability. Stellate morphology indicates that cells are able to move better 

within the hydrogel, which is essential for cell fusion. We assessed cell morphology 

using two cell shape descriptors, aspect ratio and circularity. The analysis showed 

that the cells encapsulated in softer hydrogels presented the highest aspect ratio and 
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lower circularity, indicating more active cell spreading in these hydrogels. 

Consequently, we established an exposure time of 24 s for the formation of skeletal 

muscle microtissues. Additionally, we increased cell density to 2.5 x 107 cells mL-1 to 

improve cell fusion. Unlike extrusion printing, photomold patterning does not provide 

cell prealignment (e.g., nozzle shear stress). Nonetheless, the geometrical 

confinement in the micropatterned filaments was sufficient to obtain highly oriented 

fibers following the pattern direction. In addition, this procedure resulted in a fusion 

index of ~75%, indicating an efficient differentiation into MHC-expressing myotubes.  

The skeletal muscle microtissues were fabricated inside microfluidic PDMS 

devices to form the muscle-on-a-chip platforms. The device substrate consisted of 

glass containing ITO-IDA electrodes to provide EPS, mimicking an in vitro exercise 

model once the tissues were formed [363,365]. As a proof of concept, we examined 

the myofiber release of IL-6 and tumor necrosis factor-alpha (TNF-α) upon exercise 

or an inflammatory process. To this end, the muscle-on-a-chip was connected to a 

multiplexed, high-sensitivity screen-printed gold electrode (SPGE) amperometric 

sensing system. The SPGEs were previously functionalized with selective 

monoclonal antibodies for IL-6 and TNF-α capture, which resulted in current changes 

directly related to cytokine concentration with low limits of detection (IL-6: 8 ng mL-1; 

TNF-α: 2 ng mL-1). In this way, we could perform in situ stimulation and multiplexed 

detection of the analytes. There are other examples in the literature where sensing 

systems have been coupled with microfluidic platforms to assess the metabolism of 

engineered tissues [287,288]. Still, the employed sensing systems only allowed daily 

measurements, which would not give enough information to obtain a useful in vitro 

exercise model. 

IL-6 levels increase acutely following prolonged exercise in humans [87]. 

Initial studies pointed to a pro-inflammatory role of this cytokine as an immune 

response due to local damage in the muscles after contraction [92,366]. 

Nevertheless, it was later discovered that this acute release comes from myofibers 

and not immune cells [367]. Furthermore, it is now clear that the role of IL-6 depends 

on the cells where it is produced. When produced by myofibers, this cytokine has 

anti-inflammatory action [95,368]. For instance, muscle-derived IL-6 enhances 

insulin-stimulated glucose consumption, muscle hypertrophy, and free fatty acid 

oxidation, explaining some of the health benefits of exercising [88,96,98]. 

Additionally, exercise and muscle-produced IL-6 inhibit endotoxin-induced TNF-α 
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production in humans [99]. TNF-α is a major pro-inflammatory cytokine associated 

with skeletal muscle insulin resistance and is mainly produced by activated 

macrophages [369]. However, it can also be produced by myofibers at increased 

levels during muscle injury [370] or after highly strenuous exercise, such as marathon 

running [367].  

In this work, we performed continuous EPS of the skeletal muscle 

microtissues for 1 h (5 V, 1 Hz, 2 ms) followed by a relaxation period of 1 h. The 

results showed a peak for IL-6 and TNF-α levels after 75 minutes (15 minutes after 

stopping electrical stimulation, during the relaxation phase). Then, the signals 

stabilized to basal levels. Notably, TNF-α release was minimal compared to IL-6 (10 

ng mL-1 and 1 mg mL-1, respectively). The trends observed in our results correlate 

with in vivo studies with humans under physiological exercise conditions [368] and 

with in vitro assays using 2D cultures of primary human myotubes [363]. First, 

Steensberg et al. measured plasma levels of IL-6 and TNF-α of healthy individuals 

every 60 minutes during 3 h of continuous exercise [368]. While IL-6 showed a 

marked increase, reaching the maximum values after 3 h, TNF-α plasma 

concentration did not significantly change compared to rest levels. Then, Scheler et 

al. performed immunoassays on the culture medium of primary human myotubes in 

2D after 24 h of EPS [363]. Likewise, TNF-α was detected at low levels before EPS 

and did not significantly change after 24 h of stimulation. On the other hand, IL-6 had 

a pronounced increase, demonstrating the myofiber release of this myokine after 

EPS-induced contraction with no cell damage and without immune cells, similar to 

our results. As previously mentioned, increased levels of skeletal muscle-secreted 

TNF-α have only been seen upon muscle injury or highly strenuous exercise 

[367,370]. Hence, it is possible that a more intense EPS regime in our experiments 

would lead to higher cytokine levels than those obtained. 

Finally, to examine the skeletal muscle microtissue response to endotoxin-

induced inflammation, we added Escherichia coli lipopolysaccharide (LPS, 10 μg mL-

1) to the culture medium and measured cytokine release for 48 h (without EPS). Prior 

2D assays showed that LPS treatment resulted in IL-6 release from the C2C12 

monolayer, but we observed no changes in TNF-α. In contrast, applying the same 

treatment in the 3D muscle-on-a-chip device, we could detect a slow but constant 

release of TNF-α up to ~2-fold basal levels. With IL-6, the strongest secretion levels 

were reached at 1 h of treatment, staying constant for 48 h. These results are in 
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agreement with a previous study with humans by Starkie and colleagues, where 

volunteers received a bolus of LPS to induce low-grade inflammation. Notably, their 

results also indicated that when the subjects were in resting conditions, LPS 

administration stimulated TNF-α secretion up to 2-fold [99]. Likewise, in their in vivo 

experiments, endotoxin-induced IL-6 levels were increased without exercising and 

stayed constant throughout the experiment. However, IL-6 only increased 10-fold 

after LPS administration, whereas exercise resulted in a 19-fold increase. In contrast 

to the study by Starkie and colleagues, we observed a higher increase in endotoxin-

induced IL-6 secretion compared to EPS experiments. This difference might be 

attributed to the high LPS dose, which could be optimized to mimic low-grade 

inflammation and would result in a reduced IL-6 secretion. Altogether, the results 

demonstrated that the 3D skeletal muscle microtissues generated by photomold 

patterning are suitable for applications in muscle-on-a-chip platforms. In particular, 

our platform offered simultaneous in situ stimulation of engineered tissues and 

multiplexed detection of secreted cytokines over time. Using this system, we 

obtained in vivo-like metabolic responses from 3D skeletal muscle tissues. 

Furthermore, these muscle-on-a-chip devices could provide more insight into the 

timing of cytokine release than the equivalent in vivo experiments, which would 

require several invasive blood tests per hour. 

The C2C12 cell line has been successfully employed for decades in 

biomedical research due to the similarities between murine and human myoblasts 

[151,152]. The high proliferation rate and well-established protocols for C2C12 

culture make it a useful cell line to develop tissue engineering strategies before using 

human myoblasts, which are not as easy to obtain in large quantities. However, 

engineered tissues from murine cells still lack physiological relevance to humans 

[153]. For this reason, it is of great interest to create 3D models of human skeletal 

muscle tissue, especially for disease modeling. The skeletal muscle can be affected 

by several disorders. Among these, muscular dystrophies are a group of hereditary 

diseases with variable phenotypes, all characterized by muscle weakness and 

atrophy [104,109]. Research on efficient therapies is ongoing; however, there is still 

no cure for most of these diseases. Besides, the intrinsic genetic variability of 

muscular dystrophies makes it difficult to predict individual responses to therapies. 

For these reasons, human skeletal muscles generated from patients’ cells are 

necessary to accelerate preclinical research. However, only a couple of research 
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groups have introduced patient-derived cells in 3D cell cultures to model human 

muscular dystrophies [211,347].  

Myotonic dystrophy type 1 (DM1) is the most common hereditary myopathy 

in adults, characterized by progressive skeletal muscle degeneration that results in 

severe disability. The pathogenic molecular mechanisms of DM1 have been widely 

researched, allowing the testing of new therapeutic strategies that have promising 

preliminary results in 2D cell cultures and animal models [371]. However, these 

models cannot replicate the biological complexity of the disease. Thus, to 

complement current preclinical research strategies, the third part of this thesis 

consisted of developing the first in vitro 3D model of DM1 human skeletal muscle. 

The human skeletal muscle microtissues were fabricated through photomold 

patterning of cell-laden GelMA-CMCMA hydrogels on top of functionalized glass 

coverslips. Furthermore, we modified the previous protocol to optimize it for human 

cells. We first observed undesired cell growth on the glass substrate between 

GelMA-CMCMA filaments, resulting in a separate cell population in 2D. Therefore, 

the coverslips were silanized and coated with a thin PEGDA layer before photomold 

patterning. As previously discussed, PEGDA lacks cell adhesion motifs and is inert 

to protein adsorption [312], which reduced cell adhesion on the substrate. 

Additionally, GelMA-CMCMA hydrogels were covalently attached to PEGDA [47], 

which increased the stability of the micropatterns over time. Although cells were 

mostly aligned within 200 μm wide hydrogel filaments, we observed a marked 

improvement in cell orientation when confining them in hydrogels with smaller 

features. Thus, we fabricated micromolded cell-laden hydrogel filaments of 100 μm 

width, height, and spacing. However, with these thinner filaments, UV exposure of 

24 s was insufficient to obtain stable structures that would not break after removing 

the PDMS stamp.  

To improve the strength of the filaments, we increased exposure time to 30 s. 

The received energy dose remained low (0.48 J cm-2) compared to 5 s of UV 

exposure using our 3D bioprinter (15 J cm-2) and other works where cell-laden GelMA 

hydrogels have been crosslinked with higher energy doses up to 36 J cm-2 [315]. 

Also, we confirmed the biocompatibility of the protocol with cell cytotoxicity assays 

that showed more than 88% of viable cells 24 h after encapsulation. As previously 

discussed, the optimal stiffness for myoblasts encapsulation mostly depends on the 

biomaterial used but leans toward soft hydrogels. For instance, human myoblasts 



GENERAL RESULTS AND DISCUSSION 

215 
 

have been encapsulated in fibrin-based hydrogels with Young’s modulus of 1 ± 0.1 

kPa [200]. The mechanical characterization of these GelMA-CMCMA hydrogels was 

performed using uniaxial compression tests and AFM microindentation 

measurements, obtaining Young’s modulus values in the range of 0.5-0.7 kPa. 

Furthermore, the fibrillar nanostructure of photomolded hydrogels was analyzed by 

SEM and compared to the PEGDA hydrogel layer. While PEGDA images revealed a 

dense, non-porous matrix, GelMA-CMCMA presented an interconnected porous 

network that could support oxygen and nutrient diffusion through the hydrogel. 

One of the main challenges of tissue-engineered 3D cell culture models is the 

large number of cells required for their development. In skeletal muscle disease 

models, cells are obtained from muscle biopsies of patients, which are invasive and 

not always available. Moreover, primary DM1 myoblasts have a limited proliferative 

capacity due to premature senescence [316]. To overcome these limitations, we 

used transdifferentiated myoblasts cell lines established at the Institute of Myology 

(Paris) [162]. These cell lines consisted of immortalized fibroblasts from skin biopsies 

which could be converted to myoblasts through the overexpression of MYOD1. We 

first confirmed that encapsulated patient-derived cells presented hallmark features 

of DM1, such as nuclear RNA aggregates (foci) of expanded CUG repeats which 

were colocalized with MBNL1 [115,162]. Bioengineered skeletal muscle microtissues 

were generated from DM1 patient-derived cells or healthy donor cells (control). Then, 

3D cultures were differentiated for 7, 14, or 21 days before immunostainings for 

myosin heavy chain 7 (MYH7) and sarcomeric α-actinin (SAA). In agreement with 

previous reports, we observed that DM1 cells in 2D cell culture have a low fusion 

index compared to controls. In contrast, long-multinucleated DM1 myotubes 

expressing MYH7 and SAA were formed after 7 days of 3D cell culture, 

demonstrating that 3D micropatterning enhanced the fusion capability of DM1 cells.  

Although the fusion index in bioengineered microtissues was similar between 

DM1 and control microtissues, we observed some structural differences. Therefore, 

we analyzed myotube diameters over time using 3D reconstructions of confocal z-

stack images. As expected, the diameter increased between one and two weeks of 

culture owing to myotube maturation. However, after three weeks, the diameter of 

control myotubes did not increase, possibly due to cell senescence. Therefore, we 

determined that further assays with these skeletal muscle microtissues should be 

performed before three weeks of culture. Remarkably, the analysis of 3D 
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reconstructions revealed that DM1 myotubes had a reduced diameter compared to 

healthy controls (13.4 vs. 21.7 μm) after 7 days of differentiation. Since impaired 

differentiation has been reported in myoblasts from transgenic DM1 mice [326] and 

DM1 patients [327], fusion index had been used to investigate some aspects of DM1 

pathology [328,329], characterize cell lines [162], and test potential treatments that 

could restore differentiation [330]. However, DM1 presents in adulthood when tissues 

are already formed but present myofiber size reduction, among other characteristics 

[115]. Therefore, we proposed that the reduced myotube diameter in DM1 should be 

used instead of the fusion index as a new in vitro 3D phenotype due to its increased 

physiological relevance.  

The genetic cause of DM1 is a dynamic mutation in the Dystrophia myotonica 

protein kinase (DMPK) gene [119]. Briefly, mutant CUG repeat RNAs accumulate in 

nuclear foci [120], sequestering proteins of the Muscleblind-like (MBNL) family and 

causing their loss of function [132]. Thus, one of the most promising therapeutic 

strategies for DM1 is using antisense oligonucleotides (antagomiRs) which can 

silence microRNAs (miRs) that inhibit MBNL translation. Treatment with antagomiR-

23b has successfully increased MBNL protein levels and rescued mis-splicing events 

in 2D cultures of human DM1 myoblasts [143] and the HSALR DM1 model mice [144]. 

In these works, long-lasting biological effects were observed, with high efficacy and 

low toxicity. Therefore, we evaluated the therapeutic effect of antagomiR-23b (α-miR-

23b) on bioengineered DM1 skeletal muscles. After three days of culture, once cells 

were aligned and started to fuse, we added α-miR-23b or scramble control 

antagomiR (sc-control) to the culture media. The treatment lasted for seven days 

before analyzing its molecular and structural effects on the 3D DM1 human skeletal 

muscle microtissues. 

Our results demonstrated a reduction of miR-23b expression in DM1 muscles 

treated with α-miR-23b compared to sc-control. Although miR-23b silencing only 

enhanced MBNL2 and not MBNL1 transcripts, western blot quantification showed an 

increase in MBNL1-2 protein levels upon α-miR-23b treatments. Moreover, we 

demonstrated that the increase of MBNL1-2 protein levels rescues characteristic 

DM1 spliceopathy for three splicing events: BIN1, NFIX, and SPTAN1. However, 

rescue levels were lower than those obtained in previous 2D studies [143]. The 

differences could be attributed to the different antagomiR delivery strategies. While 

2D myoblasts in those studies were transfected, we used gymnotic delivery. 
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Transfection allows the internalization of large amounts of oligonucleotides by using 

a delivery vehicle [331]. Nevertheless, gymnotic delivery is more physiologically 

relevant. With this approach, ‘naked’ delivery of oligonucleotides is performed by 

exposing cells to a constant oligonucleotide concentration, resembling in vivo 

treatments where plasma and tissues are exposed to saline-formulated 

oligonucleotides. Nevertheless, the dosage could be optimized to improve the 

antagomiR therapeutic effects for future assays. Finally, we evaluated the structural 

changes of DM1 myotubes upon α-miR-23b treatment. Remarkably, we found that 

myotube diameter was restored to healthy control sizes after seven days of 

treatment, obtaining mean myotube diameters of 14.4 or 21.9 μm for sc-control or α-

miR-23b treatment, respectively. Overall, we proved that this patient-derived 3D 

model could complement existing in vitro and in vivo models. This model could be a 

useful platform for preclinical research of different DM1 therapies. Furthermore, we 

could assess drug effects at different levels, such as transcriptional, post-

transcriptional, and structural phenotype effects. Altogether, the developed protocol 

for this disease could be easily translated for studies on other muscular dystrophies. 

One of the next steps in human skeletal muscle tissue engineering involves 

improving biomaterial formulations. Nearly all biomaterials used as scaffolds 

nowadays include animal-derived components. The most common are gelatin from 

porcine skin, collagen from rat tail, and fibrinogen from bovine plasma [reviewed in 

61]. These are often combined with murine tumor cell-derived matrices, such as 

Matrigel® or GeltrexTM. Some of these biomaterials have ill-defined or highly variable 

batch-to-batch compositions that can limit the reproducibility and accuracy of cell-

based assays [335,337,338]. Moreover, from a regenerative medicine perspective, 

the possible presence of xenogenic contaminants makes it difficult to consider their 

future translation as tissue replacements [339,340]. To this date, the only published 

3D human skeletal muscle study where the biomaterial was non-xenogenic still used 

animal-derived serum in the culture media [207]. Although animal serum is typically 

used in cell culture, some studies have shown that it could reduce sensitivity to drug 

toxicity within in vitro testing platforms [14,372,373]. For these reasons, the last part 

of this doctoral thesis focused on creating a xeno-free 3D skeletal muscle tissue 

model. 

In this work, we used a human platelet lysate-based nanocomposite hydrogel 

(HUgel). HUgel is a xeno-free biomaterial with tunable structural, mechanical, and 
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biochemical properties developed by researchers from the i3Bs Research Institute 

at the University of Minho [222]. These nanocomposite hydrogels were formed by 

inducing the human platelet lysate (PL) coagulation cascade while incorporating 

cellulose nanocrystals modified with surface aldehyde groups (a-CNC). Since PL 

mostly contains fibrinogen, its self-assembly can be induced by mixing with thrombin 

and/or calcium ions, obtaining fibrin-based scaffolds [374]. The physical and 

biological properties of HUgel were extensively characterized by Mendes et al., 

displaying their outstanding tunability. Moreover, the researchers applied this 

hydrogel as a scaffold for serum-free culture of human adipose stem cells [223]. Their 

results showed that HUgel remarkably enhanced cell spreading and proliferation 

compared to GelMA and alginate in serum-free cell culture. Adding to these features, 

the compactable nature of HUgel makes it an attractive biomaterial for cell 

encapsulation in hydrogel casting systems that provide uniaxial tension during matrix 

compaction. Considering these characteristics and previous works in the field 

[186,188,193,204,208,209,235,333], we fabricated hydrogel casting platforms 

containing two flexible PDMS posts as anchor points. These systems also permit in 

situ monitoring of posts deflections caused by tissue contractions, which can be 

transformed into force measurements.  

To generate skeletal muscle tissues, we encapsulated human immortalized 

skeletal muscle satellite stem cells in HUgel. In these hydrogel casting techniques, 

matrix compaction is key to provide uniaxial tension and promote myoblasts’ 

organization during tissue formation. Our initial results demonstrated that one factor 

influencing HUgel compaction was matrix remodeling by the encapsulated cells. 

Therefore, we fixed a high cell density of 2.5 x 107 cells mL-1 to increase matrix 

compaction. Another factor affecting HUgel compaction was the a-CNC content. The 

compaction of the fibrin matrix (clot retraction) can be hindered with increasing a-

CNC loadings, as has been described by Mendes et al. [222]. Although this reduction 

in gel volume is undesired for other tissue engineering applications [375], cell 

organization due to the generated uniaxial tension can favor myoblast fusion from 

early cell culture stages. Thus, we modulated a-CNC content to obtain long-lasting 

hydrogels with high clot retraction properties. Notably, PL gels without a-CNC 

resulted in the highest matrix compaction after 12 h of culture (~66.4%). 

Nevertheless, tissues collapsed within the first days due to the lack of mechanical 

reinforcement from the a-CNC. In contrast, nanocomposite hydrogels with only 0.2% 

w/v of a-CNC were stable for at least two weeks with matrix compaction of 
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approximately 46.7% after the first 12 h of culture. Besides structural functions, a-

CNC content in nanocomposite hydrogels can regulate growth factor retention within 

the scaffolds due to the formation of a protein corona on the a-CNC surface 

[222,223,376]. This means that increasing a-CNC loadings results in greater growth 

factor retention in the hydrogels. Slow growth factor release from the scaffolds is 

beneficial for other 3D cell culture applications that involve maintaining cell 

stemness, proliferation, or directed wound healing [377–379]. However, it is well 

known that in vitro skeletal muscle differentiation would be impaired by a 

microenvironment rich in growth factors [14]. Taken together, we proposed that 

HUgel formulations containing a low percentage of a-CNC (0.2% w/v) are the most 

suitable for skeletal muscle tissue engineering.  

Long, highly aligned, multinucleated myotubes expressing SAA could be 

observed after one week of serum-free differentiation. At this time, we evaluated the 

functionality of human skeletal muscles by assessing their contractile response upon 

EPS. Different from our previous models, hydrogel casting enabled the measurement 

of contractile forces. Here, the posts deflection caused by tissue contractions could 

be transformed into forces by taking into account the geometry, dimensions, and 

Young’s modulus of the PDMS posts [209,235]. Upon EPS, the bioengineered 

tissues exhibited twitch or tetanic contractions depending on the applied frequencies. 

The presence of sarcomeric structures is an indicator of myotube maturation. These 

structures were not present after one week of differentiation in non-stimulated 

tissues. However, after applying EPS, we could observe these structures in the form 

of striations in some myotubes. Generally, myotubes require longer culture periods 

to obtain a more uniform maturation throughout the samples. Moreover, it has been 

shown that EPS training regimes successfully enhance the maturation of engineered 

skeletal muscles [186,203]. Therefore, we expected that further optimization of our 

protocol would significantly improve the maturation of our tissues.  

Force measurements in this system could be useful for comparing tissue 

functionality between different cell lines (e.g., healthy vs. dystrophic) or analyzing the 

response to a particular treatment. In this work, we compared the tissue response 

between different nanocomposite hydrogel formulations containing 0.3 and 0.2% w/v 

of a-CNC. We performed a frequency sweep EPS regime from low to high 

frequencies and observed that tissues containing 0.3% w/v of a-CNC had a 

significantly reduced force along the frequency sweep. Notably, a-CNC content of 
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0.3% w/v led to an approximately four-fold decrease in the maximum tetanus 

contractile force, compared to 0.2% w/v. We hypothesized that the differences in 

tissue forces could be explained by the superior myotube differentiation and 

maturation on 0.2% a-CNC HUgel. Our results showed that this HUgel formulation 

resulted in greater matrix compaction, which induced uniaxial tension on the tissues. 

Besides, as mentioned above, higher a-CNC loadings result in a continuous growth 

factor presentation that could hamper skeletal muscle differentiation. Nevertheless, 

our next task will be to perform a thorough characterization of the obtained myotubes, 

including gene expression analyses, to study the difference in myotube differentiation 

and maturation between a-CNC loadings. Altogether, these preliminary results 

demonstrated the potential of tunable HUgel to develop a xeno-free human skeletal 

muscle tissue model. The elimination of animal-derived components from in vitro 

skeletal muscle models provides an increased relevance for human studies. 

Furthermore, the knowledge acquired with these systems would be easier to 

translate into regenerative medicine applications. 

The results presented in this doctoral thesis highlight the application of 

microfabricated composite hydrogels as biomaterials for skeletal muscle tissue 

engineering. Overall, skeletal muscle precursor cells were encapsulated in these 

biomaterials employing different hydrogel microfabrication techniques, such as 3D 

bioprinting and hydrogel micromolding, to introduce topographical cues that 

supported the formation of 3D skeletal muscle tissues. Photomold patterning of 

GelMA-CMCMA composite hydrogels allowed differentiation of myoblasts into highly 

aligned, multinucleated myotubes expressing sarcomeric proteins. The 

bioengineered skeletal muscle microtissues supported long-term culture without 

losing mechanical stability. Notably, the endocrine function of these tissues was 

monitored in a muscle-on-a-chip device, obtaining in vivo-like responses upon 

electrical or biological stimulation. Furthermore, the optimized biofabrication protocol 

was applied to develop the first in vitro 3D model of myotonic dystrophy type 1 (DM1) 

human skeletal muscle. Remarkably, we proved that these bioengineered 

microtissues could be useful for drug screening applications in which drug effects 

can be assessed on molecular and structural levels. Lastly, a human platelet lysate-

based nanocomposite hydrogel (HUgel) was used for the fabrication of functional 

human skeletal muscle microtissues in a xeno-free cell culture platform capable of in 

situ force measurements. Altogether, these in vitro 3D models represent significant 
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advances with respect to traditional cell cultures and animal models for studies of 

muscle physiology or disease modeling. 
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1. Photocrosslinkable GelMA-based composite hydrogels were evaluated as 

biomaterials for the encapsulation and differentiation of skeletal muscle 

precursor cells. The incorporation of PEGDA, AlgMA, or CMCMA resulted in 

long-lasting 3D scaffolds with a slower enzymatic degradation rate and 

tunable mechanical properties. Our results showed that although mechanical 

stiffness is a key property in 2D skeletal muscle studies, pore size distribution 

may play a more critical role for cell spreading and elongation in 3D culture. 

Together with the composite hydrogel’s properties, 3D bioprinting conditions 

and scaffold geometry promoted the alignment of myoblasts and supported 

differentiation into multinucleated myotubes. 

 

2. Murine or human 3D skeletal muscle microtissues were fabricated by 

photomold patterning of cell-laden GelMA-CMCMA composite hydrogels. The 

presented protocols are biocompatible and can be easily reproduced. 

Importantly, the geometrical confinement in micropatterned hydrogel 

filaments produced highly aligned myotubes expressing sarcomeric proteins. 

These muscle microtissues could be maintained in long-lasting cell cultures.  

 

3. Murine skeletal muscle microtissues were fabricated in a muscle-on-a-chip 

microfluidic device for in vitro monitoring of muscle-secreted cytokines. The 

platform was capable of in situ electrical or biological stimulation and 

simultaneous multiplexed detection of IL-6 and TNF-α. The obtained 

metabolic responses emulated previously reported in vivo experiments on 

exercise and endotoxin-induced inflammation. 

 

4. We developed the first in vitro 3D model of myotonic dystrophy type 1 (DM1) 

human skeletal muscle. Patient-derived cells encapsulated in GelMA-

CMCMA hydrogels presented the molecular characteristics of DM1. We 

demonstrated that 3D micropatterning significantly improved DM1 myotube 

formation compared to traditional 2D cultures. A new 3D structural phenotype 

was detected, the reduced thickness of DM1 myotubes compared to healthy 

control myotubes. Notably, proof-of-concept experiments demonstrated that 

treatment with antagomiR-23b resulted in the rescue of both molecular DM1 

hallmarks and structural phenotype, restoring myotube diameter to healthy 

control sizes. 
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5. Human platelet lysate-based nanocomposite hydrogels (HUgel) were used as 

scaffolds to develop in vitro functional human skeletal muscle tissues in xeno-

free cell culture. The content of cellulose nanocrystals was modulated to favor 

uniaxial tension, self-organization, cell fusion, and differentiation into long 

multinucleated myotubes expressing sarcomeric α-actinin. This in vitro 

system allowed in situ force measurements of the electrical stimulation-

induced contractions. 

 

6. Overall, the 3D skeletal muscle tissues presented in this thesis represent an 

improvement over conventional cell culture. The biofabrication protocols can 

be employed to model other muscular dystrophies by incorporating patient-

derived cells. These functional bioengineered skeletal muscle tissues could 

be useful for fundamental studies and test drug efficacy at preclinical levels.  
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