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Abstract 
 

The culture of cells on two-dimensional (2D) surfaces represents the ‘gold-method’ to culture cells 

and proven fundamentals in cell biology, cancer research and drugs development. In fact, 2D cell 

cultures play a crucial role in the early stages of drug screening pipeline since they represent the in 

vitro models of the target to be replicated and they act as a tool to predict behaviour and effects on 

humans, by limiting the number of failures during animal testing. However, most physiologic 

parameters of organs, such as tissue architecture, cell-to-cell and cell-to-matrix interactions, 

mechanical properties, and biochemical networks are lost under these simplified conditions. Cells 

naturally grown in three-dimensional (3D) environment and the extra cellular matrix (ECM) play a 

central role both from a biological and mechanical point of view. In particular, each human tissue 

displays well distinct characteristics and properties in terms of matrix stiffness, chemical composition 

and cellular components which are fundamental aspects to reproduce a physiological-like in vitro 

model. Cellular behaviour, pathways, proliferation, morphology, gene and protein expressions are 

strictly correlated with the ECM features, especially in presence of tissue inflammation or diseases. 

In this context, the development of 3D in vitro models, in which cells are embedded inside a matrix, 

are strongly needed to produce more physiologically relevant tissues models. The evaluation of cell-

matrix interaction and the corresponding cellular response allows to evaluate the mechanobiology of 

specific tissues. Furthermore, the possibility to have tailored physical and chemical properties of the 

matrix might improve the physiological-like conditions of the models even in altered state of the 

tissues. In this way, both the prediction of drug effects in humans and the selection of more 

bioavailable and safe drugs to be clinically developed might be improved, leading to a reduction of 

the use of animal models and of under or overestimation of drug response. 

In recent years, 3D bioprinting has emerged as an innovative and versatile technology able to produce 

complex 3D constructs that resemble the native spatial organization of organ tissues. A 3D bioprinter 

employs one or more bioinks composed of various types of cells suspended in a hydrogel that 

provides a three-dimensional structure in which cells can grow and proliferate. The hydrogel not only 

provide mechanical support and stability to the cells but also allows to tailor protein composition, 

nutrition, chemical and spatial gradients to match the native extracellular matrix. Natural-based 

hydrogels, such as gelatin, collagen, alginate or blend of them, and semi-synthetic hydrogels, such as 

alginate-methacrylate (AlgMa) and gelatin-methacrylate (GelMa), are extensively used for 3D 

bioprinting models since they mimic the natural composition of the tissues, they are biocompatible 

and bioactive with customizable mechanical properties, allowing to support cell growth. Moreover, 

considering that in several disease conditions the microenvironment surrounding cells changes in 
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terms of mechanical properties, the possibility to tailor hydrogels mechanical properties by modifying 

the chemical structures to obtain photo-crosslinkable materials, while maintaining their 

biocompatibility and biomimicry, make their use versatile and suitable to simulate a broad spectrum 

of physiological features. Finally, since 3D bioprinting allows to precise position in a layered manner, 

several bioinks, differing in terms of cells or hydrogels composition, it can be exploited at the same 

time to produce complex and multi-components tissues containing different type of cells, proteins, 

matrices and gradients in the z-axis. 

 

In this PhD Thesis, 3D bioprinted in vitro models with tailored mechanical properties and 

physiologically-like features were fabricated. In particular, AlgMa bioinks were employed to produce 

living ‘fortune-cookie’ platform with gradient stiffness, with the aim to create an easy to handle and 

accessible biological tool to evaluate both cell-to-matrix interaction and the resulting 

mechanobiology. In addition, GelMa, collagen and IPN of GelMa and collagen were used as bioinks 

to fabricate a proof-of-concept of 3D intestinal barrier, which include multiple cell components and 

multi-layered structure.  

The use of rheology to evaluate both printability of the bioinks and mechanical properties of the 

printed models was deeply explained and proposed as useful method to (i) produce reliable and 

reproducible in vitro models, (ii) correlate rheological parameters with the bioprinting process and 

(iii) screen for the bioinks which can undergo bioprinting.  

Natural-based bioinks were firstly formulated starting from the chemical functionalization of natural 

polymers, such as alginate and gelatin, in order to get photo-crosslinkable hydrogels with controllable 

crosslinking process, tuneable gelation and tailored mechanical properties. Here, an affordable 

alginate methacrylation process based on green synthetic approach was accomplished. Furthermore, 

in order to provide a more physiological nature to the models, collagen-based bioink was developed 

in cooperation with Typeone Biomaterials s.r.l. company, since collagen is an ECM-derived 

component and it is the most abundant protein of the human extracellular matrix. HeLa cells were 

selected to produce the AlgMa-based living ‘fortune cookie’ platform since they are easy to culture 

in 2D conditions and they represent the ‘gold-standard’ model to reproduce cancer tissue, while 

human intestinal fibroblast, human skin fibroblast and human epithelial colonic cells were used to 

propose the fabrication of the proof-of-concept of intestinal barrier model. The 3D bioprinting process 

was optimized in order to evaluate the feasibility of the fabrication of both ‘fortune-cookie’ platform 

and multi-structured 3D intestinal models, by correlating rheological analysis and 3D bioprinting 

tests. 
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Bioprinting was performed with the aim to obtain a continuous filament extrusion, by avoiding any 

clogging of the nozzle and preserving as much as possible cell viability and functionalities, and to 

generate 3D structures with consistent shape fidelity. Post-printing crosslinking processes were 

performed and optimized in order to increase the mechanical stability of the models, in incubation 

conditions during time, and to sustain cell growth and proliferation. Furthermore, the tuneable 

crosslinking processes aim to tailor the mechanical properties of the models in the same range of 

stiffness of the tissues to be replicated, while preserving, at the same time, cell survival. Therefore, 

the final models are capable to describe the native tissue condition both in terms of spatial 3D 

environment, chemical nature and stiffness. A dual post-printing crosslinking process was proposed 

as a method to fine tuning the ‘fortune-cookie’ platform mechanical properties in the desired range 

of stiffness. In particular, both photo-crosslinking and ionic-crosslinking were carried out after 

bioprinting to stabilize the platform from a mechanical point of view by reducing UV light exposure 

which can irreversibly damages cell functionalities. Three regions with different stiffness properties 

were obtained by exposing the ‘fortune-cookie’ to the UV light through a photo-protecting hand-

made mask. In this way, a 3D bioprinted platform with gradient stiffness was obtained. On the 

contrary, single post-printing crosslinking process was carried out on the 3D bioprinted intestinal 

models through UV irradiation, in the presence of photo-initiator, by ensuring the suitable mechanical 

stability and cells safety. Finally, ‘fortune-cookie’ platform and 3D intestinal barrier were cultured 

up to 14 days and 21 days, respectively, in incubation conditions.  

Proton nuclear magnetic resonance (1H-NMR), Fourier transform infrared spectroscopy (FT-IR), 

thermogravimetric analysis (TGA), Matrix Assisted Laser Desorption Ionization - Time of Flight 

(MALDI-TOF) and titration with TNBS were carried out to assess the chemical functionalization of 

the methacrylic group onto the polymer backbone chains and the degree of substitution (DS). AlgMa 

chemical characterization demonstrates that the green and affordable synthetic approach proposed in 

this Thesis was successfully achieved, leading to the formation of photocrosslinkable alginate 

methacrylate. Both 1H-NMR and FT-IR confirm the chemical substitution, while the MALDI-TOF 

analysis reports a quantitative substitution (DS) of 63 %. Finally, TGA analyses show that 

methacrylation does not significantly affect the thermal stability of the material. In the case of GelMa 

synthesis, 1H-NMR and FT-IR analyses confirm the chemical substitution, while the titration with 

TNBS provides a quantitative degree of substitution (DS) of 80 %. Even in this case, TGA analyses 

show that methacrylation does not significantly affect the thermal stability of the pristine gelatin.  
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Bioinks formulations were optimized in order to get biocompatible and printable materials able to 

support cell growth and proliferation during time. A deep rheological characterization was performed 

on all the bioinks before and after bioprinting and after the crosslinking processes, in order to predict 

their printability, shape fidelity, recovery behaviour and stiffness. In particular, amplitude sweep 

analyses were performed to evaluate both storage and loss moduli before and after printing process 

and to quantify how the crosslinking process affect the mechanical moduli of the models. Flow curves 

were obtained to assess the printability of the bioinks and their shear-thinning behaviour. Recovery 

tests were carried out to demonstrate the ability of the bioinks to recover their internal structure and 

initial mechanical properties after they experienced high shear-rate simulating the extrusion moment, 

which is strictly linked with the shape-fidelity of the structures. Furthermore, the effect of the cells 

inside the bioinks on the final mechanical properties of the scaffolds was also evaluated through 

rheology. Amplitude sweep and flow curve analyses carried out on AlgMa-based bioinks 

demonstrates their shear thinning behaviour, good printability properties and ability to recover in the 

proper manner the initial mechanical properties after they experienced extrusion. The ‘fortune-

cookie’ 3D bioprinting process was optimized in order to get in one shot of printing a gradient 

stiffness with a recognizable geometry which makes distinguishable the different regions with 

specific mechanical properties. Rheological measurements were carried out on the final printed and 

crosslinked platform to evaluate the different stiffness of each area in the 3D model. Results show 

that the dual crosslinking process here proposed provides the suitable mechanical properties to 

replicate the stiffness of different tissues (0.05 kPa – 2 KPa): from a healthy one, softer with low 

stiffness, to one displaying pathological alterations or inflammation state, which usually presents 

stiffer matrices. Furthermore, amplitude sweep analysis performed on the cell-embedded structures 

after printing and crosslinking processes demonstrates that the presence of the cells strongly affects 

mechanical properties of the models, by decreasing of one order of magnitude the storage moduli.  

Finally, biological characterizations were carried out on both ‘fortune-cookie’ platform and 3D 

bioprinted intestinal models in order to evaluate their biocompatibility, bioactivity, ability to sustain 

cell growth and reproduce the 3D native environment of the tissue, and to assess the functionalities 

of the models. In particular, the correlation between mechanical properties and HeLa cells inside the 

‘fortune-cookie’ platform was evaluated through live/dead assays and confocal images, while, in the 

case of 3D bioprinted intestinal barrier, the biological assessment of the models was provided through 

live/dead assays, confocal images, cell proliferation, immunofluorescence and 

immunohistochemistry analysis.  

Biological assay such as live/dead staining was carried out on the final printed constructs, in order to 

assess cells viability and to evaluate cellular morphology into the polymeric matrices. The platform 
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maintains good mechanical stability and provides support to HeLa growth up to 14 days. Live/dead 

results show that there is a strong correlation between mechanical properties and cell behaviour, since 

by moving from the lowest stiffness region of the platform to the highest one, cell viabilities decrease 

(from 80 % to 30 %). For what concerns the 3D intestinal models, the 3D bioprinting process was 

successfully optimized to obtain the layered structure with personalized and different bioinks (GelMa, 

collagen and IPN of GelMa and collagen) for the desired layer. All the models displayed the suitable 

mechanical stability to replicate the intestinal tissue and maintained the proper stiffness during the 

whole experiment in incubation condition (21 days).  

Live/dead assay highlight that human skin fibroblast and epithelial colonic cells display the highest 

cell viability (> 90%), a good cell proliferation and a clear change in morphology up to 21 days. For 

these reasons, these cell types were selected to fabricate the final 3D models. Alamar blue assays 

confirm the high cell proliferation into all the matrices, by showing the highest value of proliferation 

in the IPN-based bioinks, and the immunofluorescence images clearly show the formation of an 

epithelial monolayer characterized by intermembranes proteins and tight-junctions. Finally, a new 

biological procedure for the inclusion of 3D bioprinted constructs for immunohistochemistry analyses 

was optimized, in order to carry out histological tests by preserving as much as possible the integrity 

of the samples, which is usually affected by the strong stiffening of the matrix occurring after several 

required treatments.  

 

In conclusion, natural-based bioinks formulations were successfully synthetized and optimized for 

the fabrication of 3D bioprinted organ/tissue models. The use of rheology has proven to be a great 

tool for the characterization and prediction of both bioinks printability and 3D bioprinting process, 

respectively, and of the mechanical properties of the final models. A useful rheological guide to drive 

users to the selection of the suitable bioinks for 3D bioprinting and to correlate the model’s 

mechanical stability after crosslinking is proposed. In addition, a platform capable to reproduce 

models with gradient stiffness, as in the case of pathologically-like tissue, was developed. Finally, 

the fabrication of 3D bioprinted intestinal models displaying a good hierarchical structure and cells 

composition was fully reported and successfully achieved. The good biological results obtained 

demonstrated that 3D bioprinting can be used for the fabrications of 3D intestinal barrier and that the 

mechanical properties of the external environment plays a key role on the cell pathways, viability and 

morphology
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1. Introduction  
 

1.1. 2D vs 3D in vitro models  

2D in vitro models, known also as monolayer cell culture, has provided groundbreaking insights into 

basic cell biology becoming an indispensable tool for the understanding of all those mechanisms that 

underlie in vivo cell behavior such as cell differentiation, migration, growth and proliferation, which 

are mainly affected by biochemical stimuli, biomechanical microenvironment, injuries and 

inflammation processes [1–3]. Furthermore, the employment of monolayer culture has become 

increasingly important to predict and assess drug behavior and its organ toxicity-response, with aim 

to minimize the unethical and non-responsible use of animal models along with avoiding costly 

failures of drugs later in development of drug candidates. In drug discovery, the conventional 

procedure of screening drug compounds starts with 2D cell culture tests, followed by animal model 

tests and finally clinical trials. In particular, in the early stages of drug development, in vitro strategy 

intends to support the determination of drug uptake, metabolism, and excretion, as well as the 

detection of potential undesired effects on the human health. Regulatory agency, such as FDA, asks 

for specific and standardized assays including AMES, hepatic tolerance, teratogenic potential or the 

activation of drug metabolism, which allow to select the suitable clinical candidates to be tested in 

the second stage of pre-clinical trials. In particular, in the early stages of drug development, in vitro 

strategy intends to support the determination of drug uptake, metabolism, and excretion, as well as 

the detection of potential undesired effects on the human health [4]. Regulatory agency, such as FDA, 

asks for specific and standardized assays including AMES, hepatic tolerance, teratogenic potential or 

the activation of drug metabolism, which allow to select the suitable clinical candidates to be tested 

in the second stage of pre-clinical trials [5]. In this way, considerably efforts are made to 

mechanistically understand any side-effects occurring during pre-clinical stages, especially during 

animal experiments which more resemble in vivo conditions and provide an estimate of the human 

relevance of the observed effect in relation with the administered dose.  

2D cell culture relies on adherence to a flat surface, typically a petri dish of glass or polystyrene, to 

provide mechanical support for the cells. Cell growth in monolayers allows for access to a suitable 

amount of nutrients and growth factors present in the culture medium, which results in homogenous 

proliferation during time easy to access and ready to be use for drug screening and experiments in a 

high throughput manner. This characteristic makes 2D platforms attractive to biologists and clinical 

users due to its simplicity, efficiency and high scalability. However, most of these in vitro methods 
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do not provide control of cell morphology, which determines biophysical cues affecting cell 

bioactivities in vivo. To improve and customize 2D cell culture morphology, micro-patterned 

substrates [6], such as cell-adhesive islands [7-8], microwells [9], and micropillars [10-11] have been 

created allowing to study the effects of cell shape on bioactivities. Furthermore, to improve safety 

prediction of drug candidates in the early stage of the testing, genomics, proteomics, metabolomics, 

and high content imaging have been explored to clarify and better understand the entire biological 

processes rather than just at the single endpoint level, thanks to technologies improvement occurred 

in the last decade [12-13]. The advantage of these technologies lies in the ability to generate a global 

screening without prior focus on a limited set of potential targets of drugs [12-13]. However, not only 

better readouts and improved technologies are required to improve prediction of drug behavior based 

on in vitro data, but also the models themselves used to generate those data need reviewing. 

Disadvantages of 2D in vitro models 

Despite all the advantages of the current 2D models, the mechanical properties of polystyrene and 

glass differ largely from those of the extra-cellular environment. Polystyrene, for instance, displays a 

stiffness in the range of 1–3 GPa, which is about six orders of magnitude higher than that of the 

majority of native tissues. In many studies the effect of substrate stiffness on different cell types and 

mechanism has already been proven, including drug sensitivity, proliferation, gene expression and 

differentiation [14-22]. Anyway, even if recently surface coatings enriched with ECM molecules [16-

17] or synthetic materials [18-19] were developed to produce 2D substrate that more resemble native 

stiffness of the target tissue, the cells still experience a non-physiologic spatial environment lacking 

most of the interactions occurring in the native 3D tissue, which play a key role in the cell pathway, 

phenotypes and genotypes expression. In particular, most physiologic parameters of organs, such as 

tissue architecture, cell-to-cell and cell-to-matrix interaction, 3D cellular aggregation in spheroids-

like shape, mechanical properties, and biochemical networks are lost under these simplified 

conditions [20,1]. Furthermore, also chemical and physical parameters are different from the native 

situation. In fact, in the 2D models, cells have a direct and uncontrolled access to nutrients and 

metabolites contained in the culture medium and their overexposure to the atmospheric oxygen can 

affect cellular behaviors [20]. The absence of oxygen, nutrients gradients and the permeability of the 

surrounding ECM, increase the need to move one step forward in the creation of improved 3D models 

[2,21]. 

Another unreproducible in vivo situation with these standard models, is the niche-tumor or cancer 

environment, which displays usually increased mechanical properties in terms of stiffness and rigidity 
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of the ECM with respect to the healthy tissue, which affect cell pathways, biochemical and drug 

response during the drug screening [22-27]. [22],[23],[24],[25],[26],[27]. 

 

Importance of the ECM 

What’s the role and the importance to replicate ECM in the in vitro models? In the native tissue, cells 

connect not only to each other, but also to a support structure so called extracellular matrix (ECM). 

This contains proteins, such as collagen, elastin and laminin, that conferee to the tissue specific 

mechanical properties, depending on the type of tissue and cells, and help to organize communication 

between cells embedded within the matrix. Receptors on the surface of the cells, known as integrins, 

anchor their bearers to the ECM, and also determine how the cells interpret biochemical cues from 

their immediate surroundings. ECM is made of an intricate network of proteins and polysaccharides 

secreted mostly by a special family of cells, the fibroblasts. Two large classes of macromolecules can 

be distinguished as main components of the ECM: the large polysaccharides, the so-called 

glycosaminoglycans (GAGs) which form highly hydrated gels, in which the second class of 

macromolecules, fibrous proteins such as collagen and fibronectin, can be embedded in. These 

proteins provide robustness and strength to the hydrogels and support cell growth within the ECM. 

All of these components, contained in specific proportions and concentrations inside the matrix 

tissues, are organized in a variety of way able to build different structures, ranging from rigid or hard 

ECM in bone, tension-resistant structure of tendons to the extreme elasticity of blood vessels [29-31]. 

Besides strong tensile mechanical properties, many tissues display high flexibility, such as blood 

vessels, lungs and skin, which is mainly provided by an extensive network of elastic fibers. Finally, 

fibronectin and RGD moieties play a central role for cell attachment and proliferation into the matrix 

[32,33]. 

ECM viscosity and its mechanical forces strictly influences both CO2 and nutrients permeability along 

with oxygen concentration along the z-axis. Furthermore, external mechanical forces on the cells such 

as compression, tension, bending, torsion, hydrostatic pressure and shear stress, function as source of 

environmental stimulus which drive cells differentiation, migration and adhesion [34,35]. 

For all the reasons highlighted above, the development of 3D cell culture models that more replicate 

physiological conditions are strongly needed both to improve prediction of drug effects in humans, 

in order to plan more targeted clinical trials, and to improve the selection of more bioavailable and 

safe drugs to be clinical developed. 
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From 2D to 3D conditions 

By providing a reproducible and customized microenvironment that mimics in vivo conditions, 3D 

cell cultures have become a valid tool to overcome the limitations of the standard 2D culture and, in 

addiction, to reduce the use of animal models. Thank to this improvement, 3D cell cultures have 

accelerated our understanding of organogenesis and cancerogenesis by leading to more advanced 

approaches in drug testing and personalized medicine.  

Despite these cultures still remain a simplification of the native conditions, they incorporate the most 

relevant physiologically interactions such as cell-cell and cell-matrix interactions, which provide 

several critical features present in tissues, including morphology, differentiation, polarity, 

proliferation rate, gene expression and genomic profiles, nutrient and oxygen gradients [36-38]. At 

the same time, they still being easy to handle as 2D models and practical to being adapt to standard 

biochemical assay, imaging and technologies. 

In order to fill the gap between 3D culture and in vivo environment, many fields of science have 

contributed to improve, manipulate and control the chemistry, geometry and mechanical properties 

of the cellular microenvironment, such as bioengineered materials, nanotechnology, microfluidics, 

and 3D bioprinting. These contributions have led to creation of several 3D cell culture systems 

designed according to specific scientific needs. 

 1.2. Type of 3D cell cultures 

3D in vitro models can be divided in function of their shape, geometry, type of tissue, technology, 

presence or absence of external matrix to simulate ECM. In this section, 3D models are classified 

based on the role of the external matrix, which acts as an artificial ECM, and can be divided in (i) 

non-scaffold-based cultures, (ii) scaffold-based cultures and (iii) specialized 3D platforms. 

1.2.1. Non-scaffold-based 3D cultures 

 

An example of 3D cell culture system is represented by non-scaffold 3D cultures, or 3D scaffold-

free, which rely on the self-aggregation of a high number of cells, or tissue strands, by means of 

specialized techniques such as hanging drop microplates, magnetic levitation and low adhesion plates 

that promotes multicellular aggregation in a spheroids-like shape [21]. These aggregates recapitulate 

physiological characteristics of some tissues, especially the soft tissue founded in the tumor 

environment, since they are characterized by strong cell-cell interaction and, when they synthesize 

their own ECM, also cell-matrix interactions take place [21,39]. Spheroid size mainly depends on the 

initial number of cells seeded and they can reach specific dimensions displaying oxygen and nutrient 

gradients similar to the tissue of interest. The scaffold-free techniques can always be applied if cells 
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autonomously create a strong intercellular connection, that lead to a self-organized cell structure 

without the use of external forces.  

In order to replicate a higher number of tissues, in term of their mechanical properties and 

characteristics, from the hardest tissues to the softest one by differentiating them considering possible 

issues such as tumor or inflammation, the combination of spheroids models with an external matrix, 

might represent a valid solution. In this way, the presence of the matrix provides the suitable network 

to replicate in vivo conditions [21]. For instance, mammary glands tissue [40], intestinal barrier [41] 

or skin tissue [42,43], cannot be strictly replicate without the presence of an external matrix, since 

they develop highly organised structure in the native condition especially by interacting with 

neighboring cells and with their ECM, including the basement membrane to which they are attached.  

 

1.2.2. Scaffold-based cultures  

 

As ECM affects cellular organisation and cell functions, scaffold-based 3D cultures have gained great 

attention since the cells are embedded inside a matrix whose chemical, physical and mechanical 

property can be customized to better mimic native conditions of the tissues. In this situation, cells 

basically grow to form spheroids, organoids or multi-layered structures inside or onto a matrix which 

can be based on decellularized ECM (dECM), synthetic or engineered polymer-based scaffolds. 

When synthetic scaffolds are used, in order to better mimic key properties of ECM enhancing the 

recognition between cells and matrix, they can be modified or customized by adding growth factors, 

biologically active molecules and proteins [21]. Depending on the type of tissue to replicate, a variety 

of scaffolds and materials combination have been employed in the last decade to accomplish this goal, 

from soft or hard hydrogels to highly tough polymers [21]. Firstly, the most important aspect to 

consider is the understanding of the native mechanical and chemical properties of the tissue that must 

be replicated. For example, cells of skin, intestine, peripheral nerve tissues are surrounded by a soft 

and hydrated ECM, thus hydrogel polymers, such as collagen, elastin, fibrin, alginate or blend of 

these, might the best choice to host the suitable type of cells for the specific tissue [44]. Another 

widely used materials for soft tissue replication are both commercial acellular matrices, such as 

Biotek, Alvetex and AlgiMatrix [45-48] and commercial hydrogel, such as Matrigel, Cellendes, 

Glycosan Biosystems, QGel [45,47,49]. Another typical scaffold material used is the synthetic 

polymer polyethylene glycol (PEG) thanks to its flexibility, tunable mechanical properties, 

biocompatibility and easily functionalization with biological cellular binding sites, such as RGD and 

MMP moieties [50,51], which make it more biomimicry. In the case of tissues characterized by strong 

and rigid mechanical properties, such as bone or cartilage, the scaffold selection is oriented on hard 
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and stiff polymers, such as PCL, PLA or a combination of PCL-collagen and PLA-gelatin [52-

55].[52][53][54][55].  

Scaffolds are characterized by different shape, structure and morphology, such as electrospun 

nanofiber, which show nanostructured features and porosity, or freezed dry sponge [56]. However, 

the use of these systems does not allow for ultimate control of the microstructural features positioning 

which, in many cases, is fundamental to replicate the extracellular matrix. 

Among the most used materials in this field, polymer hydrogels are the suitable candidates since they 

can be adapted and customized to reproduce different type of tissues. The advantages to use hydrogels 

to mimic ECM is the high biocompatibility, the possibility to exploit both their physical and chemical 

cross-linking strategies, in order to obtain the most suitable stiffness matrix and network for a specific 

tissue formation. Another important parameter to take into account with these cultures, is the presence 

of a porosity network inside the scaffolds, in order to ensure the suitable exchange of nutrients, gases 

and waste metabolites into the whole spheroids, especially when aggregates reach 1-2 mm in 

thickness [57,58]. Inside these scaffolds-based cultures category, cells can assume different shape, 

structural and cellular morphology, complexity and organization leading to three main type of 

models: (i) spheroids, (ii) organoids and (iii) 3D bioprinted models. 

Spheroids and organoids are mainly employed to replicate tumor tissue, as anti-cancer models, due 

to their high cell-cell interactions, chemical and physical gradients, which typically characterize 

tumor or neoplastic tissues [59,60]. Despite spheroids simplify tumor environment, they are widely 

employed in drug screening stages since they are easy to obtain, capable to undergo High Throughput 

Screening (HTS), closely resemble non-vascularized or poorly vascularized tumors and portray 

metabolic gradients when grown larger than 500 µm by displaying an outer layer of proliferating 

cells, a middle layer of quiescent cells and an inner layer of hypoxic and necrotic cells [26,27]. 

However, there are several practical challenges associated with spheroid cultures, including the 

development and maintenance of spheroids of uniform size, the formation of spheroids from a small 

number of seeded cells and the precise control of specific ratios of different cell types in spheroids of 

co-cultures. 

Organoids have gained major attention thanks to their capability to form highly complex structural 

units with a well-defined in vivo-like morphology that partially resemble the unit of an organ, in 

structure, cell organization, function, histologically and genetically [61,62]. They can produce self-

assembled multi-layered cellular structure that preserve the natural cell morphology of the tissue. An 

example, is represented by intestinal organoids in which intestinal crypts patient-derived were used 

to form multi-layered intestinal barrier, displaying villi-like structure in the outermost layer and 

intestinal lumen in the center which support the oxygen demand [63]. However, since most of 



Introduction 
 

7 
 

organoids are formed starting by undifferentiated stem cells, in some cases, they can retain fetal 

resemblance when pluripotent stem cells (PSC) are used [64] and in other cases, they are limited in 

recapitulate only the histological and genetic features of their adult donor tissues when adult stem 

cells (ASC) are employed [65]. 

While spheroids can be formed both with or without the presence of an external ECM by self-

assembling, as described in the non-scaffold-based cultures, organoids always require an external 

matrix to develop the level of complexity needed. This mainly depends on the cell source. In 

particular, since spheroids formation is triggered by spontaneous self-assembly of cell lines, 

multicellular mixtures, primary cells or tumor cells, they do not need external signals of the ECM to 

develope organized tumor structures. On the contrary, organoids are mainly based on embryonic stem 

cells, adult stem cells, or induced pluripotent cells, which cellular self-organization and self-assembly 

into a specific final differentiated cellular model, require a differentiation stage of the cells stimulated 

in response to external physical and chemical cues provided from the ECM. 

For what concern 3D bioprinted scaffolds, they are produced through 3D bioprinting technologies, 

which allow the deposition of the cells loaded inside hydrogels in a controlled manner by following 

a CAD design. In this way, native tissue architecture, cellular composition and vasculature can be 

recapitulated in vitro to create biomimetic tissue models, which can be used for studying disease 

mechanisms, screening drugs and other clinical applications. These models can reproduce both 

healthy or illness tissues, including the hardest ones (i.e.  cartilage, bone) and the softest ones (i.e. 

brain, gut, skin), composed by different cells sources, types of matrices, in terms of both stiffness and 

chemical properties, degree of porosity and spatial and cellular organizations, with the aim to provide 

realistic features to the models [66,67]. In particular, these models, allow to reproduce in a 

personalized, customized and precise manner, units of organ or tissue, since they take into account 

the heterogeneity of the tissue and the geometry, providing a realistic physical, chemical and cellular 

gradient in the z-axis, which should improve in vitro model for the drug testing and the consistency 

of the readouts. 3D bioprinting allows to create multi-layered structures, with different shape and 

complexity, in which cells are embedded inside an artificial ECM, usually composed by synthetic 

(i.e. PEG, pluronic) or natural (i.e. hyaluronic acid, collagen, alginate, gelatin) hydrogels, that provide 

mechanical support, biological activities, cell growth, cell proliferation and cell orientation and 

oxygen gradient. Furthermore, 3D bioprinted models can combine different materials, such as hard 

PCL, PLLA, with hydrogels to produce composite scaffolds, with the aim to exploit the chemical, 

mechanical and bioactive properties of all the materials to promote cell growth, differentiation and 

proliferation [68-70]. In this way, cells can arrange themselves inside the hydrogels in different shape, 

such as spheroids, aligned, randomly, reproducing the native structure of the in vivo condition thanks 
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to mechanical and chemical signal provided by the matrices. In order to enhance the bioactivity of 

the artificial ECM, it is also possible to combine hydrogels with growth factor, proteins or bioactive 

molecule [71-73]. Different type of cells can be loaded in the hydrogels and can be deposited in a 

patterned way, in order to create a high level of cellular complexity for all those tissues which displays 

multi-layered cell types, such as skin [74-76], lung [75,76] and intestinal barrier [77].The selection 

of the materials and cell types depends on the type of tissue to be replicate and on the technique used 

to produce the models.  

Many 3D bioprinted models have been produced for drug screening such as liver, heart and muscle, 

cancers and vascularized tissues [78], which will be discussed in detail in the paragraph 1.8.  

 

1.2.3. Specialized 3D culture platforms 

 

An important consideration when moving from 2D cultures to 3D constructs is the maintenance of 

mass transport and dynamic flux. With the improving in fabrication technologies, (i) microfluidic 

devices and (ii) organ-on-a-chip model integrated with 3D culture systems, have become a central 

tool to reproduce dynamic in vivo environment. 

Microfluidic devices are designed for cell cultures under perfusion conditions, suppling oxygen and 

nutrients and, at the same time, removing waste. The devices are usually simple and mainly consist 

of microchannels and microchamber which host cells spheroids. Microfluidic devices can be built to 

mimic cells shear forces found in vivo such as that one produced by blood flow to endothelial cells 

[79]. Furthermore, microfluidic devices allow for the continue application of drugs or other soluble 

molecules such as growth factors, or the exchange of fluid between different compartments that may 

harbor different types of cells. In these systems, fluids are confined in devices that have a significant 

dimension on the micrometer scale. Due to this extreme confinement, the volumes used for drug 

assays and similar studies are tiny (milliliters to femtoliters), and special physics apply. In a 

microfluidic device there are only laminar flows and no turbulences, which grants an extremely high 

control over the fluids employed, diffusion of drugs and the progress of reactions. In order to 

guarantee cell growth in 3D morphology, PDMS can be functionalized with biological molecule and 

the flow can be tuned to obtain the suitable size of spheroid [80]. 

A limited number of cells can be introduced inside microfluidic devices mainly via hanging drop. 

Cells can flow through the microchannels reaching the microchamber in which the spheroid is formed 

during time. One of the best in vitro models for cancer is a tumor spheroid, which comprises a gel-

free system. A microfluidic device was developed by incorporating microwells that induced the 

seeded human carcinoma cells HT-29 to aggregate and create spheroids spontaneously. Subsequently, 
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the formed spheroids were exposed to multiple doses of 5-fluorouracil, and cell viability was 

investigated by measuring spheroid size. The created spheroids showed high viability for 10-12 days, 

which suggests this culture system is a promising platform to study drug effects in the long-term 

analysis [81]. 

In other cases, considering the importance of the presence of an ECM to provide oxygen gradient and 

mechanical strength, several gel-supported 3D cell cultures in microfluidic devices have been 

designed using native ECMs such as agarose, collagen, hyaluronic acid, fibronectin, and fibrin [82-

84]. In one study, a combination of collagen and hyaluronic acid in a microfluidic channel was used 

to mimic angiogenesis in vitro, to study endothelial cell sprouting and migration. The use of both 

hydrogels improved adhesion, migration, and proliferation of human umbilical vein endothelial cells 

(HUVECs) in response to the vascular endothelial growth factor (VEGF) [85]. On the other hand, 

doxorubicin was perfused through a microfluidic channel containing breast cancer cells encapsulated 

within an alginate hydrogel and cultured into a 3D tumor spheroid. Compared to 2D cell culture, 

doxorubicin had lower effectiveness on cell viability and proliferation [86]. 

However, these systems still suffer from some limitations, such as the restricted simulation of the 

complex cell-cell and cell-matrix interactions to investigate cell behavior. 

For this reason, organ-on-a-chip platforms were developed starting from microfluidic devices in 

order to incorporate functional units with a minimal number of living components of an organ that 

sufficiently retains the tissue- and organ-level interactions. They refer to an artificial, miniature model 

of a human organ on a microfluidic cell culture chip. The chip usually consists of a series of well-

defined structures, patterns, or scaffolds. Therefore, the position, shape, function, and chemical and 

physical microenvironments of the cells in culture can be controlled with high spatiotemporal 

precision using microfluidics. They have been described for a variety of organs including heart 

[87,88], liver [89,90], neural tissue [91-93] and gut [94,95]. An example, is the heart-on-chip system 

which allows the investigation of contractility and electrophysiological behaviors under in vitro 

conditions along with the quantification of cardiac tissue contractility under various conditions of 

health, disease, and exposure to chemical agents [96]. Another example, is represented by a human 

gut-on-a-chip model which consists of two micro-channels separated by a porous flexible membrane 

coated with ECM and lined by human intestinal epithelial cells (Caco-2) [95]. A slow fluid flow 

generated low shear stress over the channels, and a cyclic strain was exerted to mimic physiological 

peristaltic motions. The developed model allowed spontaneous growth of 3D villi-like structures and 

quantified the trans-epithelial electrical resistance (TEER), which was three to four-fold higher than 

that of static Transwell cultures.  
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With the advancement of these 3D culture technologies, organs-on-a-chip are poised to provide 

advanced tools for drug development and high-throughput screening in the future. 

1.3. 3D cell cultures techniques 

Scaffold-based cultures, non-scaffold-based cultures and specialized 3D cultures can be formed 

through different methods and technologies. The generation of non-scaffold-based cultures, such as 

cellular aggregates or spheroids, is realized by exploiting the inherent cell self-organization process 

which can be produced through simple methods such as (i) hanging drop methods, (ii) low 

attachment plate and (iii) magnetic levitation. Scaffold-based 3D cultures, which include 

spheroids, organoids and 3D bioprinted scaffolds, can be formed through various methods, based on 

more or less complex technologies, such as (i) porous and fibrous-scaffolds supporting growth, 

(ii) bioreactor and (iii) 3D bioprinting technologies. 3D specialized cultures are mainly fabricated 

by means of soft lithography, a low-cost, easy to use and high-resolution technology that allow the 

fabrication of customized and ultra-precise pattern that can range from nanometer to micrometer 

precision, depending on the needs and application. 

 

1.3.1. Hanging drop, low attachment plate, magnetic levitation 

 

Hanging drop methods is a well-known 3D culture technology which exploit self-aggregation of 

cells into spheroids when a surface is not available for cell attachment. Spheroids can be created in 

specialized plates with open, bottom-less wells that are designed for the formation of a small droplet 

of media. The droplet is big enough for cells suspended in the medium to aggregate but small enough 

to prevent it from being dislodged during manipulation. Cultured for several days, cells in hanging 

drop plate (HDP) can form spheres that may represent tumor layers in the vicinity of a capillary, a 

peripheral layer with proliferating cells due to the closeness to the supply of oxygen and nutrients, 

underlaid by an intermediate layer with quiescent cells and an inner necrotic core [97]. These spheres 

can form oxygen and nutrient gradients and provide a reservoir for the accumulation of waste, 

accompanied by low pH. Hanging drop cultures have found applications in cancer research [98,99], 

in toxicity testing in hepatocytes [100] or in engineering cardiac spheroids [101].  

 

Similar to hanging drop method, microplates with round, tapered or v-shaped bottoms, take 

advantage of the lack of cell attachment surfaces to promote aggregation of cells and spheroid 

formation. This method is one of the oldest techniques to generate self-assembled cellular structures 

in media for 3D cell culture. This system inhibits the attachment of cells to the surface of the culture 
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plate, resulting in force floating of cells. Force floating improves cell-to-cell interactions, enabling 

multicellular aggregation. To provide attachment-resistant cell surfaces, cell culture plates or surfaces 

are coated with polymers that possess low cell-binding properties, such as 2-hydroxyethyl 

methacrylate (poly-HEMA) [102], polyethylene glycol [102], chitosan [102], agar [102], and agarose 

[102].  

 

In magnetic levitation technique, cells are preloaded with magnetic nanoparticles and then, using an 

externally applied magnetic field, are floated toward the air/liquid interface within a low adhesion 

plate to promote cell-cell aggregation and spheroid formation. Magnetic levitation has been used to 

generate spheroids from cells of various tissue, to form cellular or multicellular spheroids for tissue 

engineering [103], regenerative medicine [104] and tumor modeling for drug screening [105,106].  

 

1.3.2. Bioreactors 

 

Bioreactors enable the precise and reproducible control over many environmental conditions required 

for cell culture, such as temperature, pH, suitable flow rate of culture media, oxygen, nutrient supply, 

and waste metabolite removal. In addition, complex system of bioreactors can be designed to apply 

of external forces on the scaffolds to encourage differentiation and maturation when it is required. 

Thanks to the ability to provide dynamic mass transport, bioreactors are really useful to control and 

accelerate cell seeding and to fine tune drug administration in a scaffold. In the last case, 3D models 

are not constantly in direct contact with the drugs, at the same concentration in a static environment, 

but they experience a drug transport mechanism which more resemble the physiological scenario.  

Bioreactors can be mainly grouped into (i) rotating wall vessels [107], (ii) hollow fibres [107], (iii) 

spinner flasks [107], (iv) mechanical force systems [107] and (v) direct perfusion systems [107]. 

Rotating wall vessels provide continuously moving culture conditions where cell constructs are 

grown under low shear stress forces and enable high rates of mass transfer. In this situation, the speed 

of rotation ensure that constructs are in continuous free-flow [108]. 

Hollow fibre systems are used for cells that have a high metabolic rate. Cells are usually seeded 

within a matrix or scaffold contained porous fibres. The medium is then perfused externally over the 

fibres to increase mass transfer [109]. 

Spinner flasks can be used to seed cells into constructs and also culture them thereafter. Seeding is 

conducted by the introduction of cells into the medium and their perturbation by the spinner, 

generating convection currents. Mass transfer for subsequent culture is maintained by the spinner 

mechanism [110-112]. 
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Mechanical force systems exploit the mechanism by which tissues respond to force during growth. 

Cells such as osteoblasts are known to be mechanoreceptive and respond to force with the activation 

of intracellular signal transduction pathways [113]. Secondary messenger signals arising can control 

gene expression and determine the expression of differentiation genes thereafter, and consequently 

enhance conditions for 3D construct maturation [113]. 

Direct perfusion systems allow the culture medium, drugs or other external substances to pass 

through the construct with a controlled rate and path [114,115]. A major advantage here is the ability 

to seed cells directly into the scaffold under flow conditions which usually allows for a high seeding 

efficiency [114,116]. The control of medium flow enables cell adhesion and growth, where a high 

mass transfer rate is typically achieved throughout the entire construct [115,116]. 

 

1.3.3. Soft lithography 

 

Scaffold-based microfluidic and organ-on-a-chip culture systems can be produced by etching silicon 

wafers, using traditional electronics manufacturing principles [117]. Since silicon is expensive and 

opaque, which is a critical limitation with respect to designing biological experiments, the soft 

elastomer polydimethylsiloxane (PDMS) was employed, due to its prized for its optical transparency, 

elastic features, biocompatibility, and permeability to gases. The process of PDMS systems 

production usually involves several steps. First, a mold is created. The layout of the channels within 

this mold is printed directly onto a mask via a high-resolution printer. This mold is then used to outline 

the channel positions on photoresistant material on a silicon wafer, using a photolithographic process. 

The cured material is left protruding off the silicon. This is called the “master.” The PDMS system is 

thereafter cast using the master and cured for 2 h at 60 °C [117]. After the curing process is complete, 

the PDMS stamp is removed. The PDMS system now has the channel structures etched at the bottom 

and can be adhered to another flat sheet of PDMS, glass, or other materials, in order to seal the 

channels.  

 

1.3.4. 3D bioprinting 

 

In recent years, three-dimensional (3D) bioprinting has occupied a prominent place among all other 

methods for producing tissue scaffolds [118]. 

3D Bioprinting is a rapid layer-by-layer additive manufacturing process based on the classic 3D 

printing technology, in which biomaterials and/or cell-embedded hydrogels (bioink) are deposited 

from the bottom to the top, to create well-designed and precise three-dimensional structures by using 
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computer-aided software (CAD). Besides, it is a rapid and inexpensive method to generate 

geometrically precise scaffolds and offers precise control over the composition of cells and 

biomaterials, associated with spatial distribution, and architectural accuracy. Moreover, its ability for 

precise placement of high-density cells in the desired location by using multiple types of cells and 

bioinks in an orderly fashion, mimics heterogeneous architectures of native tissues. It also allows the 

formation of vascular structures capable of recapitulating the structural features of human tissues. 

The precision of the final printed constructs not only depends on the technology resolution but also 

on customizable parameters, such as bioink selection, cell-type, nozzle-type, printing rate, 2D and 3D 

imaging of the CAD modeling, thus on the type of bioprinter [118]. 

The entire biofabrication process could be divided into three steps:  

(a) pre-bioprinting (modeling/design),  

(b) bioprinting,  

(c) post-bioprinting (maturation and assessment of the models). 

 

In the pre-bioprinting process, the CAD model has to be designed to represent the desired features of 

the targeted tissues or organs and the appropriate bioink has to be selected considering its printable 

capacity and its chemical/mechanical properties that should replicate the ECM environment.  

The bioprinting process can be divided into two categories: (i) acellular bioprinting and (ii) cellular 

printing processes. In the first case, one or more biomaterials are deposited without being mixed with 

cells prior the printing process; on the contrary, in the second case, the biomaterials, which are 

specifically hydrogels, are intimate mixed with one or more cell types prior printing process, to form 

the so called bioink. It is stated that it is also possible to combine both processes in one stage of 

bioprinting, whether the bioprinter provides of multiple bionks holders, in order to exploit the 

potentiality of the materials in terms of their mechanical, chemical and biological properties. Anyway, 

independently on the type of bioprinting process, the material chosen to be printed is directly loaded 

into the bioprinter and deposited layer-by-layer inside standard multiwell or bioreactors to form a 

model, which might represent a functional organ unit, a tissue or an ECM niche, by following the 

software command which generally convert the CAD model in G-code or STL file format.  

Finally, the post-printing stage involves the maturation and the assessment of the model. The model’s 

maturation includes (i) cell proliferation and maturation, (ii) cell morphological changes, (iii) ECM 

remodeling and (iv) genes and proteins expression. These processes can be detected and followed 

through standardized biological assays along with optical/confocal images, which are helpful to 

assess the biological model’s functionalities. Furthermore, when the printing process is performed 

inside the bioreactors (direct perfusion bioreactor) the provided dynamic in vitro environment ensures 
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a more realistic maturation process and, consequently, more consistent biological activities and 

functionalities with respect to the static 3D bioprinted models (i.e. models printed inside standard 

multiwells). 

 

1.4. 3D bioprinting technologies 

As mentioned in the previous paragraph, the structure, shape, resolution, composition and precision 

of the final 3D printed models, strictly depend on the type and technology of bioprinter, which differ 

for specific features such as resolution, mechanism, speed, volume, stability, type of bioinks, cell 

density, and cost effectiveness. Three different bioprinting technologies can be identified: (i) inkjet-

based bioprinting, (ii) laser-assisted bioprinting and (iii) extrusion-based bioprinting (Figure 1.). 

 

 

 

Figure 1. Representation of different bioprinting technologies: (a) Inkjet-Based Bioprinting (IBB), (b) Laser-

Based Bioprinting and (c) Extrusion-Based Bioprinting. 

 

1.4.1. Inkjet-based bioprinting 

 

Inkjet bioprinting (IBB) or drop-on-demand bioprinting was initially used for 2D ink-based printing 

and it was later modified by replacing the ink in the cartridge with bioinks, and the paper with an 

electronically controlled elevator stage. 

Currently, inkjet bioprinting can be performed on bioprinters that are custom-designed to handle and 

print biological materials with high precision, speed, and resolution. 

Inkjet bioprinting is based on the ejection of drops of liquid onto a substrate by exploiting thermal or 

acoustic forces. In the case of acoustic inkjet technology, a piezoelectric crystal is employed to create 

acoustic waves inside the print head to break the liquid into droplets. When a voltage is applied to a 

piezoelectric substance, a rapid change in shape is induced. This, in turn, generates pressure required 



Introduction 
 

15 
 

to force droplets out of the nozzle (Figure1a). Regarding the heat inkjet bioprinting, this technology 

can be achieved by electrically heating the print head to generate pressure that causes the release of 

droplets from the nozzle. The droplet formation process can be affected by two types of factors: (1) 

bioink properties and (2) process parameters. The bioink properties include cell type, cell density, 

and polymer concentration. The bioprinting process parameters include excitation waveform (e.g., 

excitation voltage, rise time, dwell time, fall time, echo time, and frequency), nozzle speed, nozzle 

diameter, and air gap. Both bioink properties and process parameters have a significant impact on the 

droplet formation processes, thereby affecting droplet velocity and volume. Since bioinks should 

display low viscosity to properly form droplets. It is possible to use different cross-linking methods 

after droplet formation and deposition to improve the mechanical properties of the materials and 

stabilized the final 3D printed construct, such as (i) ionic cross-linking method, where a liquid 

contained a crosslinking agent (usually ionically-based water solution) is placed inside a reservoir 

platform which instantly cross-linked the bioink droplet [119] (Figure 2 a) or (ii)  sprayed on the top 

of the printed structures [120] (Figure 2 b); (iii) UV light cross-linking method, where the bioink 

droplet deposition is followed by UV light exposure [83] (Figure 2 c). 

The advantages of inkjet printing include high spatial resolution (50-300 µm) [71], high printing 

speeds (up to 10000 drops /s) [121], and also its low cost. In addition, the modification of 

commercially available inkjet printers into 3D bioprinters is a cost-effective adaptation utilized in 

many labs to fabricate tissue constructs. However, inkjet bioprinting presents many challenges. These 

include the ejection of liquid phase bioinks within a limited range of viscosity (3.5-12 mPa) and the 

inability to print thick constructs due to a discretized flow. In a thermal inkjet bioprinter, the applied 

heat which causes evaporation can cause transient pores in the cell membrane, as the temperature in 

the nozzle could reach ~ 300 °C or even higher [121]. The excessive thermal stress may negatively 

impact the functionality of cells and cell viability. There is also a risk of cell lysis in the high 

frequency range of piezoelectric pulse. Additionally, in order to maintain a high cell viability in a 

printed construct and avoid nozzle clogging, bioinks for the inkjet bioprinting usually have to be 

prepared with a reduced cell density (less than 106 cells/ mL) compared to natural tissues. In 

conclusion, inkjet printing is not an ideal choice if one intends to print larger, more complex and 

clinically relevant sizes of constructs for bio-fabrication, because this technology can only generate 

continuous small droplets. 
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Figure 2. Schematic representation of different cross-linking methods after LBB droplet formation: ionic-

crosslinking methods through (a)cross-linker reservoir or (b) cross-linker spraying on the top of the printed 

structure; (c) UV-light crosslinking methods. Figure re-adapted from [122].  
 

1.4.2. Laser-assisted bioprinting 

 

The laser-assisted bioprinting (LAB) process is direct writing based on laser-induced forward transfer 

(LIFT) technology initially developed for high-resolution patterning of metals for computer chip 

fabrication. It consists of three main parts: (i) a pulsed laser source, (ii) a ribbon, and (iii) a receiving 

substrate, as represented in Figure 3. Nanosecond lasers with UV wavelength such as excimer laser 

193 nm, 248 nm, or near UV wavelength such as 1064 nm are usually used as energy sources to 

obtain a pulse energy deposition with 1-20 μJ/pulse. The ribbon is a multilayer component comprised 

of transparent glass, a thin layer of laser absorbing metal, such as gold or titanium, and a suspended 

layer of the bioink that is composed of cells, hydrogels, and bioactive factors. When the laser beam 

pulses at a specified time duration that focuses on the ribbon, the metal layer on top of the hydrogel 

is vaporized, which will create a high-pressure bubble that ejects the bioink droplets onto the 

receiving substrate. The receiving substrate contains culture media to support growth after the cell 

droplets are transferred from the ribbon to the substrate. The resolution is defined as cells are printed 

successively in a continuous manner at desired coordinates.  

The resolution of LAB varies from picometer to micrometer in size and it is influenced by many 

factors, including the laser fluence (energy delivered per unit area), the surface tension, the wettability 

of the substrate, the air gap between the ribbon and the substrate, and the thickness and viscosity of 

the biological layer. Because LAB is nozzle-free, the problem of clogging with cells or materials that 

plague other bioprinting technologies is avoided. LAB is compatible with a range of viscosities (1–

300 mPa/s) and can print mammalian cells with negligible effect on cell viability and function 

[122,123]. LAB can deposit cells at a density of up to 108 cells/ml with microscale resolution (20-80 

µm) of a single cell per drop using a laser pulse repetition rate of 5 kHz, with speeds up to 1,600 

mm/s [124]. This non-contact bioprinting approach has several advantages. Firstly, there is no contact 

between the bioinks and the dispenser, which leads to a decreased chance of contamination as 
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compared to in-contact printing methods. Moreover, a highly viscous bioink can be used while at the 

same time, maintaining high viability of cells (>95%) because no mechanical forces are directly 

applied on the cells [125,126]. Additionally, this technology can generate high resolution droplets 

[124]. 

Despite these advantages, only a relatively narrow range of printable viscosities (1-300 mPa*s) are 

allowed for using in laser-assisted bioprinting. Furthermore, this method is not commonly employed 

in the most labs due to the complexity of laser pulse control and the high cost of laser sources. 

Furthermore, the high resolution of LAB requires rapid gelation kinetics to achieve high shape 

fidelity, which results in a relatively low overall flow rate, and the preparation of each individual 

ribbon is time-consuming. Because of the nature of the ribbon cell coating, it can be difficult to 

accurately target and position cells [127]. 

 

 
Figure 3. Laser-assistAd Bioprinting (LBB) schematic setup [128].  

 

 

1.4.3. Extrusion-based bioprinting  

 

Extrusion-based bioprinting (EBB), also known as direct writing, has been widely engaged in 

biofabrication and tissue engineering in recent years [129]. The bioinks extrusion takes place based 

on two main mechanisms: pneumatical force (gas or pressurized air) and mechanical force (screw 

and piston). For all the extrusion mechanisms, the bioink is loaded into the syringe and placed on the 

printer header. Then, in the case of the pneumatic mechanism, a continuous air or gas pressure is 

applied to the surface of the bioinks, while the mechanical one applies mechanical force to the surface 

of the bioink using a piston or a screw-based movement, which provides rotational force to 

continuously extrude the bioink through nozzles with different diameters.  

These methods are compatible with a wide range of biomaterial’s fluid properties which display 

viscosities ranging from 30 mPa/s to 6 × 107 mPa/s [130] and possess shear-thinning properties (non-
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Newtonian behavior), thus meaning that they are able to flow through a nozzle, decreasing their 

viscosity, by applying an external force. 

The extrusion bioprinting process involves three main steps, as reported in Figure 4: (i) a pre-printing 

step, in which the bioink is in a static temporary condition inside the syringe; (ii) a printing step, in 

which the materials undergo an high shear stress at the nozzle level that allow the formation of 

continuous filament; (iii) a post printing step, in which the shear rate decreases and the filament is 

deposited onto the printer plate, causing a sharp increase in viscosity. 

 

 

 

Figure 4. Schematic representation of the entire extruded-based bioprinting process of a bioink (composed 

by a hydrogel, represented by the chain, and cells, represented by the corpuscles) inside a syringe. (a) pre-

printing process (bioink is in static condition showing high viscosity), (b) printing process (bioink undergoes 

shear-stress displaying shear-thinning behavior) and (c) post-printing process (shear rate decreases and the 

bioink recovers its initial viscosity) [131].   

 

 

Shear-thinning property not only depends on the chemical nature of the bioink but also on the 

temperature of the printing process. In fact, several hydrogels that show unsuitable parameters to be 

printed, such as high viscosity, at higher temperature or pressure with respect to RT or atmospheric 

pressure, display lower viscosity along with shear-thinning behavior. For this reason, it is possible to 

customize the printing process by choosing the proper printing temperature and pressure, in order to 

extend the number of printable bioinks. 

Despite the possibility of nozzle clogging and low printing resolution (typically greater than 100 μm), 

the ability to print high, biologically relevant, highly viscous bioinks and hydrogels in a controlled 

manner, along with the economic aspects and commercial availability have made EBB the most 

popular technique amongst all the bioprinting technologies. Furthermore, EBB compared to other 3D 

printing methods enables to (i) producing tissue scaffolds using a wide variety of biomaterials and 
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cell types, (ii) obtaining successful layer-by-layer bioink deposition with physiological cell density 

in a designed way, (iii) controlling structure porosity, shape, dimension of the filament by changing 

the nozzle size and diameters and the printable pattern, (iv) building oriented and aligned structures, 

useful especially to replicate muscles tissues models [132], (v) inducing relatively low cell damages, 

(vi) regulating, conducting stem cell growth and differentiation for many applications and (v) printing 

multi-bioinks at the same time, or the combination of bioinks and not cell-laden hydrogels or 

biomaterials [133], by using multiple printheads bioprinter [134], in order to exploit chemical, 

biological and mechanical properties of all the printed materials, to obtain high complex and multi-

component layered structures and to obtain high control over cells distribution on the fabricated 

models.  

In the Askari et al. review, the most recently reported scaffolds produced through EBB, i.e., skin, 

bone, cartilage, vascular, neural, and muscular tissues, are systematically discussed with an emphasis 

on the advanced extrusion-based fabrication techniques and on the importance of the selection of the 

suitable bioinks and printing process parameters, to get complicate, precise, heterogeneous and 

functional 3D models [129]. A summary of the differences between the most common printing 

techniques, ECC, IBB and LAB, in terms of viscosity of the bioinks, cell density, resolution and 

ability to form complex structures is reported in Table 1.  

 

Table 1. Summary of the most common bioprinting techniques. 

Technique 
Extrusion-based bioprinting 

(EBB) 

Inkjet-based bioprinting 

(IBB) 

Laser-Assisted 

Bioprinting 

(LAB) 

Viscosity 

(mPa×s) 

High value 

30-6×107 

Very low value 

3.5-12 

Low value 

1-300 

Cell density 

(Cell/mln) 
High cell spheroids Low (< 106) Medium (~ 108) 

Resolution 

(µm) 
>100 50-300 20-80 

Structure Thick, complex Very thin Thin 

 

1.5. Hydrogels for 3D bioprinting 

 

In 3D bioprinting, hydrogels are used as bioink materials, in combination with cells, or as cell delivery 

vehicles. As mentioned in the previous paragraph, the selection of the appropriate hydrogel, along 

with suitable cells type, plays a crucial role for the effective fabrication of the targeted model. 

Hydrogels are three-dimensional network structures permeable to oxygen and nutrients and capable 

of taking on large amounts of water, which make them attractive for use in biological applications. 
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They consist of polymer chains which can form chemical or physical crosslinks and/or chain 

entanglements that typically prevents the hydrogel from dissolving, therefore retaining structure and 

stiffness. When used for 3D cell culture application, the hydrogel properties can be adapted to match 

the specific use and tissues, since they are biocompatible, typically biodegradable, and a majority of 

them possess specific cell binding sites that are desirable for cell attachment, spreading, growth, and 

differentiation. Furthermore, thanks to their ‘gelling’ consistency and ability to flow under applied 

shear force, hydrogels, in combination with cells, are widely employed for 3D bioprinting 

applications.  

The successfulness of the fabrication process mainly depends upon properties of the bioink and, in 

particular, on the properties of the hydrogel component such as chemical, physical and recovering 

kinetics properties, which are correlated with the ability of the polymer to recover their mechanical 

properties and mechanically support the fabricated models after printing process.  Furthermore, a 

suitable bioink should provide the growth factors, adhesion factors, signaling proteins, and 

mechanical and structural properties of ECM, in order to promote a suitable environment for cell 

survival, viability, and differentiation. 

Hydrogels can be classified in function of their source (i.e. natural, semi-synthetic and synthetic), 

structural composition (i.e. homopolymers, copolymers, IPN), cross-linking methods (i.e. UV light 

and ionic) and responsiveness to stimuli (i.e. temperature and pH). 

 

1.5.1. Hydrogels classification 

 

1) Source of hydrogel 

 

Natural hydrogels. Many polymers used for 3D bioprinting comes from nature source including 

alginate, collagen, fibrin, chitosan, gelatin, hyaluronic acid and nanofibrillar cellulose, which is 

extracted from wood.  Among these natural hydrogels, some of them are also natural constituents of 

the ECM such as collagen, fibrin, and hyaluronic acid, thus can strictly replicate the in vivo ECM 

environment.  

These polymers have advantages of inherent biocompatibility, are abundant in source and present 

natural binding sites, which provide the interaction between cells and matrix [135]. However, low 

stability, poor mechanical properties and rapid degradation rate are major disadvantages of the 

natural-based hydrogels. 
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Alginate 

Alginate is a polysaccharide extracted from brown algae, which is a natural anionic polymer 

electrolyte. It is a strictly linear copolymer that composed of two monosaccharides of a-L-guluronic 

acid (G) and b-D-mannuronic acid (M) respectively. Because of its abundance, inexpensiveness and 

biocompatibility, it is widely employed in the biofabrication field, especially for 3D bioprinting 

applications [136]. When alginate interacts with divalent ions, such as Ca++, Sr++, a dense 3D structure 

called an “egg box” is formed, which improves its mechanical properties. However, it may be hard 

to control the degradation rate and the instantaneous crosslinking process, as it is a considerable 

challenge for cationic polymers. The major disadvantages of alginate are the poor not tunable 

mechanical properties as well as poor cell adhesion [136]. To overcome these limitations, hybrid 

hydrogels can be formed by combining alginate with other type of polymers, which could be synthetic 

or natural ones. For example, the combination of alginate and polyethyleneglycol diacrylate 

(PEGDA) is useful to achieve toughness greater than natural cartilage due to a PEG network with a 

high elasticity and reversible crosslinking quality under deformation of alginate [137][138]. On the 

other hand, because of the poor adhesive property of alginate-based hydrogel, RGD sequences 

peptides are used to improve cell adhesion [139,140]. Mooney group successfully developed a model 

where GRGDY-modified alginate hydrogel showed cellular interaction between the hydrogel and 

mouse skeletal myoblasts [141]. Another solution to improve alginate mechanical properties, regards 

the possibility to chemically modify alginate functional group with methacrylate group, in order to 

obtain a semi synthetic polymer with photo-curable and tunable mechanical properties [136].  

 

Collagen  

Collagen is one of the major components of ECM protein existing in mammalian tissue. Collagen 

contains unique helix structure where three left handed polypeptide helices intertwine together into a 

right-handed triple helix, and at the ends of each helix peptide bonds are crosslink adjacent helices. 

Even though collagen can be extracted from almost every living animal, the source for tissue 

engineering applications includes porcine skin, bovine skin and tendons, and rat tail among others. 

Collagen types I, II, III, V, and XI are only known for making collagen fibers out of 29 distinct 

collagen types up to date. Among all the collagen types, type I collagen (Col-I) is the most studied in 

3D bioprinting due to its ability to undergo self-assembly to form fibrous hydrogels [142]. Type I 

collagen stays in liquid or low viscous form at low temperatures while, increasing temperature (37 

°C) or remaining at neutral pH, forms fibrous hydrogels. However, Col-I has an intrinsic limitation 

due to the slow gelation, since it takes half an hour to form gel at 37 °C. Because of this slow gelation, 

the required structural stability cannot be achieved after bioprinting. Also, the slow gelation reduces 
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homogeneity of the cells in the hydrogel, since the cells move downwards and stabilize in the bottom 

due to the gravity. Thus, the use of only collagen in 3D bioprinting field is challenging and, due to its 

weaker mechanical properties and slow gelation rates, it is usually employed with a supporting 

material, such as alginate and gelatin [143] or mixed with other natural polymer and then crosslinked 

with physical or chemical crosslinking methods [144].  

 

Gelatin 

Gelatin is one of most essential biopolymers, which is a soluble protein obtained by the irreversible 

process of partial hydrolysis of collagen [145]. It can be derived from fish, insects and the skin of 

land animals. Unlike its progenitor collagen I, which is weakly acid soluble, gelatin is a water-soluble 

natural polymer that can absorb 5-10 times the equivalent weight of water. When the temperature is 

increased, the dissolution speed can be accelerated to certain degree. Gelatin solution has an 

amphoteric behavior because of the presence of alkaline amino acids and acid functional groups. 

Gelatin is a polydisperse peptide with high molecular weight and because of its gelling, thickening 

characteristics, biocompatible and thermo-responsive properties, it is a popular material for 

biomedical use and for 3D bioprinting application [146]. Gelatin hydrogels can be formed via 

chemically [147-151] and physically crosslinking methods [152-155]. However, chemical 

crosslinking usually involves genipin which might affect cell viability and it is not easy to handle 

during 3D bioprinting while physical crosslinking is a reversible process and does not provide stable 

mechanical properties at 37 °C during incubation time. In fact, a typical property of the gelatin 

solution is the capability to be gelled at low temperature (about 20-30 °C) by cooling to form 

hydrogels. This process is known as sol-gel transition process, in which locally ordered regions 

among the gelatin molecules take place, that are subsequently joined by non-specific bonds, such as 

hydrogen, electrostatic and hydrophobic bonds. The resultant hydrogel has a unique thermo-

reversible character, since the non-specific bonds can be easily broken by heating. 

Since gelatin show short degradation rates, poor mechanical properties and lack of thermal stability, 

it is possible to overcome these limitations by modifying its molecular chains by adding methacrylate 

groups, which make the gelatin methacrylate a new semi synthetic photo-crosslinkable polymer with 

tunable mechanical properties [156]. 

 

Synthetic hydrogels. Differently from natural polymers, the chemistry of synthetic polymers is 

tunable, so that physicochemical and mechanical properties of synthetic hydrogels can be optimized. 

Additionally, different molecular weights, block structures and degradable linkages can lead to 
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tunable mechanical properties and degradation rate. Lack of adhesion sites, biocompatibility, and 

degradation products are some disadvantages of synthetic based hydrogels. 

Among the most used synthetic polymers, which display high compatibility with cellular system, are: 

poly(ethylene glycol) (PEG), poly(acrylic acid) (PAA), poly(ethylene oxide) (PEO), poly(vinyl 

alcohol) (PVA), poly(hydroxyethyl methacrylate) (PHEMA), and poly(methacrylic acid) (PMMA) 

[142]. Synthetic structures of such hydrogels offer no biological information to cells, but can be easily 

tuned according to the mechanical (viscoelastic) requirements and have high uniform quality as well 

as defined structure. The choice of the hydrogel is dependent on the experimental setup (i.e., required 

stiffness, optical properties, conductive properties), material availability, and cost.  

 

Semi-synthetic hydrogels. This class of hydrogels combine the best properties of both the 

abovementioned hydrogels. The resulting hydrogels have highly predictable and tunable mechanical 

properties and, at the same time, offer biological information and support to cells. Semi-synthetic 

hydrogels are often produced in co-polymerization reactions between the polymer precursor and the 

biological conjugate. Some examples of such combinations are hydrogels which consist of PEG, 

which is inert to cells, modified with peptide sequences (i.e., RGD) for cell adhesion [157,158] or 

PEG modified with fibrinogen [159].  

Alginate methacrylate (AlgMa) and gelatin methacrylate (GelMa) are the most common examples of 

semy-synthetic hydrogels used for 3D bioprinting [160] since they are highly biocompatible and cell 

friendly, and they display high shape fidelity and stability at physiological temperature by means of 

photo-crosslinking with UV light and in presence of a photo-initiator. One of the most popular 

polymer functionalization methods is to incorporate covalent crosslinking by modifying the polymer 

backbone using methacrylate groups [160]. The advantages of these functionalized materials are that 

they are able to maintain their bioactivity, biocompatibility, cell supporting spreading and growing 

along with improved mechanical properties [161-165]. Furthermore, both GelMa and AlgMa 

maintain the characteristics of the corresponding unmodified species, such as thermo-responsive 

ability and physical crosslinking, respectively. In conclusion, this polymer functionalization can 

introduce new crosslinking methods and incorporate new biological activity into bioinks.  

Hydrogels fabricated from synthetic polymers are usually covalently crosslinked networks, while 

hydrogels from natural polymers are physically crosslinked through conformation changes and 

physical interactions. By chemically modifying natural polymer chain with methacrylate groups, it is 

possible to exploit the dual crosslinking, in which single networks that are crosslinked in more than 

one way, e.g., covalently and ionically in the same network. The permanence and increased bond 

energy of covalent crosslinks over physical interactions has driven research into incorporating 
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covalent functionalization into natural hydrogels to increase their strength and durability after 3D 

printing. 

 

2) Structural composition 

Classification by structural composition divides hydrogels into homopolymeric (derived from the 

single monomer species), copolymeric (derived from two or more monomer species), 

interpenetrating polymer networks or IPN.  

The most widely used homopolymer hydrogels in 3D mammalian cell culture are collagen, fibrin, 

nanocellulose, gelatin methacrylate (GelMA) and alginate methacrylate (AlgMa) [141].  

Copolymeric hydrogels suitable for 3D cell culture are represented by alginates, hyaluronic acid and 

poly(N-isopropolyacrylamide) hydrogels PEG-based copolymers (PEGMEMA–MEO2MA–

PEGDA), and synthetic saccharidepeptide hydrogels.  

Some examples of interpenetrating polymer networks are networks of dextran and gelatin, gelatin 

and silk fibroin or alginate and reconstituted basement membrane matrix hydrogels.  

IPNs derive from two independent crosslinked polymers, where at least one of them being 

synthesized and/or crosslinked within the immediate presence of the other and without any covalent 

bonds between them. Since they are held together only by permanent topological interlocking 

interactions without covalent bonds in between, it is impossible to separate them from each other 

without breaking their own cross-linked networks. This structural composition allows to improve and 

enhance mechanical stability of such polymer (i.e. collagen) which alone are too fragile with low 

mechanical performance. Example of IPN widely employed in 3D bioprinting field are (i) gelatin-

methacrylate and collagen [145,167-170], (ii) alginate and collagen [171,172] and alginate and gelatin 

methacrylate [173-175]. 

 

3) Cross-linking methods 

The crosslinks between individual polymer molecules maintain the entire 3D structure of the hydrogel 

after swelling in water. For use in 3D cell culture (especially in the case of cell encapsulation prior 

polymerization) not only the polymer material, but also crosslinking reaction must be cell-friendly, 

which means that reaction conditions and products should not affect cell viability. Crosslinking 

methods can be divided into two categories: (i) physical crosslinking methods, which include thermal 

crosslinking, molecular self-assembly and ionic crosslinking and (ii) chemical crosslinking method, 

which include photo-crosslinking. 
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Thermal crosslinking 

Most of the seaweed-derived natural polysaccharides, including agarose, and some animal-derived 

protein, including gelatin, elastin, and collagen, make the thermally driven hydrogels. Thermal 

gelation occurs at either increasing temperature or decreasing temperature, in which the transition 

temperatures are defined as the upper critical solution temperature (UCST), where above this 

temperature water and polymer are miscible, and lower critical solution temperature (LCST), where 

below this temperature water and polymer are miscible [165]. Three types of possible interactions are 

taken place when a polymer is dissolved in water, namely polymer-polymer, polymer-water, and 

water-water. For example, polymer exhibiting an LCST, temperature increase makes polymer-water 

interaction unfavourable, making the other two interactions more favourable, which results in 

negative free energy (G) [165]. In this type of system, water-water interaction is the “driving force” 

and hence the entropy of water is increased. This phenomenon is known as the “hydrophobic effect”. 

It is noteworthy to mention that LCST is an “entropy driven” effect while UCST is an “enthalpy 

driven” effect, which is the opposite to previous one.  

 

Molecular self-assembly 

Molecular self-assembly is the other form of physical gelation process. Self-assembly is driven by 

the noncovalent, weak bonding mechanisms such as hydrogen bonds, hydrophobic interactions, 

electrostatic interactions, and it is mainly dominated by the peptide and protein-based hydrogels. 

These hydrogels have two distinct properties which are essential for 3D bioprinted hydrogels: (i) they 

are shear thinning, thus show low viscosity under applied shear stress, and (ii) self-healing, ability to 

recover when the stress is removed. However, the major challenge in this type of system is the 

prolonged time for self-healing, which adversely affects the cell encapsulation [175]. Despite this, 

several biomimetic supramolecular systems have been developed by using host-guest structures 

[176]. 

 

Ionic crosslinking 

The hydrogel can also be formed either chelation or electrostatic interaction, facilitating spontaneous 

physical gelation due to the presence of electrically charged species. These polymers are known as 

polyelectrolytes, which contain net charged along the polymer backbone, and crosslink to form 

insoluble complexes when combined with multi-valent cations or anions according to the charge of 

the polymer. The reason for the insolubility of these polyelectrolyte complexes in the water is the 

scarcity of the charged groups of the polymer, which are mutually shielded by the complex formation. 

Most of the natural polymers are negatively charged, such as alginate and hyaluronic acid due to the 
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presence of carboxyl or sulfate groups. However, the presence of the amino groups in the polymer 

backbone make positively charged polymers like chitosan and gelatin. Calcium alginate is a 

prominent example for ionotropic hydrogel. Alginate is composed of guluronic acid (G units) and 

mannuronic acid (M units) monomers, which vary in amount and depending on the source of alginate. 

The presence of divalent cations such as Ca++ and Ba++ facilitate binding between the G-units of the 

adjacent alginate chains in an “egg-box” form. In contrast to the natural polymers, polyelectrolytes 

from synthetic polymers offer a wide range of controllable electrostatic properties. The most common 

example for the synthetic ionotropic hydrogel is the poly (l-lysine) (PLL) [177] and poly (acrylic 

acid) (PAA) [178]. 

 

Photo-crosslinking 

The most stable and tunable hydrogels can be obtained through the formation of covalently bound 

hydrogels as compared to the physical cross-linking. One of the widely used strategies is crosslinking 

with visible or UV light through photopolymerization of sensitive to light polymers, usually those 

one which contain acrylate or methacrylate-modified chains. 

To make this crosslinking process cell compatible, it is important to select the suitable photo-initiator 

to trigger the radical reaction which is responsible to the formation of crosslinks between polymer 

chains. In particular, the photoinitiator should be efficient in free radical generation and, at the same 

time, must be cell friendly, which mean that the radical process produced after UV light exposure 

must preserve cell viability and functionalities. 

Photoinitiators can be separated into two categories (in relationship with the radical generation 

mechanisms): (1) Type-I photoinitiators (cleavable photoinitiators) and (2) Type-II (bimolecular 

photoinitiating). Type-I photoinitiators generate two radicals while the process of Type-II (e.g., 

benzophenone/tertiary amine) presents more complexity. For example, benzophenone is excited and 

promotes fast electron transfer (from the lone pair of tertiary amine), which is followed by the proton 

transfer process; this process provides the radical (H-donor) that initiates photopolymerization. In 

some cases, to avoid the UV light damaging effects, including DNA damage and cancer effects [179], 

some visible light photoinitiators have been investigated and demonstrated to be useful for bioprinting 

with cells [180]. 

For the reproducing of living tissues, UV sensitive photoinitiators are the most used. In particular, 

2,2′-Azobis[2-methyl-n-(2-hydroxyethyl)propionamide] (VA-086), Lithium phenyl-2,4,6-

trimethylbenzoylphosphinate (LAP) and  1-[4–(2-Hydroxyethoxy)-phenyl]-2-hydroxy-2-methyl-1-

propanone (Irgacure 2959) have been widely employed for the fabrication of 3D bioprinted models 

[181] since their low toxicity and high photopolymerization efficiency have been demonstrated.  
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1.5.2. Mechanical and physical requirements 

 

Mechanical requirements 

The ECM surrounds most cells in tissues of complex organisms, protecting them from stress and 

regulating cellular functions such as spreading, migration, proliferation, and stem cell differentiation. 

Stiffness of the ECM is considered to have implications for development, differentiation, disease, and 

regeneration [31]. 

In physiological condition, there is a large variation in the ECM environment in terms of stiffness, 

starting from the neural cells, as the softer, to the cartilage and bone cells, as the stiffer. Studies have 

shown that by adjusting the stiffness of the matrix rather than making changes just to the biochemical 

environment (i.e., use of growth factors or defined media) a directed differentiation can be achieved 

[31]. 

Matching the stiffness of the hydrogel to the tissue is of interest particularly when targeting MSC 

(Mesenchymal Stem Cells) fates, since MSCs (and numerous other cell types) can convert external 

mechanical cues to intracellular biochemical signals. This ability to sense mechanical 

microenvironment called mechano-sensing is described in several studies and reviews 

[182][183][184]. Those MSCs cultured in lower stiffness hydrogel (2 kPa) show a tendency to 

differentiate toward cells expressing neural markers; those cultured in hydrogel with a kPa of 10 

formed myocytes and those cultured on rigid substrates (40 kPa) become osteoblasts [185]. 

There are many examples of studies where matrix stiffness has been shown to play a role in cell 

development, migration or differentiation, for example, neural cells, MSC differentiation, muscle 

cells, breast cancer cells, and bone [186]. Some of them are relative to the anchorage-dependent 

mesenchymal stem cells which are highly responsive to hydrogel properties, in particular to the 

stiffness and pore structure, and once printed cells into the gelatin methacrylate (GelMa), they 

demonstrate higher spreading in low stiffness hydrogels (24 Pa) and almost no spreading when high 

stiffness (1537 Pa) is involved [187]. 

 

Physical requirements 

In all multicellular organisms gradients of different nature (stable, temporary, physiological or 

pathological) can be found [31] and can be classified as physical, chemical, and biological. For 

example, stable physiological mechanical gradients characterize different tissues like cartilage, 

ligaments, tendon, bone, and tooth. Stable chemical physiological gradients such as, oxygen 

concentrations, pH gradient as a result of catabolite distribution, can be found by increasing the 

distances from blood vessels [188]. Stable pathological gradients (chemical, physical, and biological) 
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can be found in tumors, in which fast growing cellular mass breaks tissue homeostasis. For these 

reasons, cellular fate is strongly influenced by the physical composition of the tissue 

microenvironment and, in addition, cells convert the external stimuli governed by the ECM into 

intracellular biochemical signals. 

The influence of different microenvironmental signals can be reproduced and studied in hydrogel-

based 3D models with the aim to recapitulate in vivo gradients and help to find an optimal niche for 

different cell types and co-cultures. In this context, to achieve this, it is possible to manipulate 

different hydrogel properties such as (i) mechanical, (ii) biological, and (iii) chemical. Mechanical 

gradients can be created by tuning hydrogel stiffness and pore architecture through variation of 

crosslinker concentration or polymerization intensity, which can be correlated with chemical gradient 

as well, since the oxygen permeability, for instance, is lower in that zone of the gel where the cross-

linking density is higher with respect to the area with low degree of crosslinking (and porosity) [189]. 

For what concern the biological gradient, it is possible to introduce in the polymer backbone chain 

biological moieties or protein functionalities, or mix them directly within the bioink, and printing 

different concentration of the desired formulation in a pre-defined manner to obtain a spatial 

biological gradient [190]. 

 

1.6. Cell source 

 

The choice of cells for tissue or organ printing is crucial for the correct functioning of the fabricated 

construct. Tissues and organs comprise multiple cell types with specific and essential biological 

functions that must be recapitulated in the artificial tissue. In addition to the primary functional cell 

types, most tissues also contain cell types that provide supportive, structural or barrier functions, are 

involved in vascularization or provide a niche for stem cell maintenance and differentiation.  

Cells chosen for printing should closely mimic the physiological state of cells in vivo and are expected 

to maintain their native functions under optimized conditions. Furthermore, the cells used for 

bioprinting applications must be robust enough to survive the bioprinting process and withstand 

physiological stresses once transplanted, including physical forces such as shear stress and pressure 

as well as biological stressors including presence of toxins, enzymes and non-physiological pH. 

Primary cell types are widely employed in 3D bioprinting, especially to reproduce cancer models 

with a targeted type of tissue, and they are extracted directly from the tissue or organ of interest. 

These cells are easy to access, to cultivate and to maintain and can be easily adapt to the 3D 

bioprinting process. However, their lifespan and number of passages are limited and the type of tissue 

reproducible depends on the origin and the type of the cells. 
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Stem cells are a promising cell type for 3D bioprinting owing to their ability to proliferate in an 

undifferentiated way and to generate multiple functional tissue-specific cell phenotypes [191]. 

Embryonic stem cells and induced pluripotent stem cells are capable of indefinite self-renewal and 

have demonstrated their longevity by maintaining their undifferentiated state for over 80 passages. 

The capacity of pluripotent stem cells to generate large numbers of cells highlights the potential of 

these cells for bioprinting [192]. Other types of stem cells, such as adult stem cells from bone marrow 

and fat or perinatal stem cells from amniotic fluid or placenta, are thought to have a more limited 

multipotent differentiation potential but are considered safer for clinical transplantation. With 

established protocols for the isolation, expansion and differentiation, mesenchymal stromal cells 

(MSCs) may also be a promising cell source for bioprinted constructs. Clinically relevant numbers of 

MSCs have been successfully generated in vitro for clinical trials, and future advances in cell-culture 

techniques are likely to make use of other stem cell populations for bioprinting clinical applications 

a realistic possibility [193-196]. 

Advances in cell culture techniques as well as in reprogramming and directed differentiation methods 

will be important for providing highly proliferative, functional, nonimmunogenic and robust cell 

populations that are suitable for bioprinting applications. 

 

  

1.7. Correlation between rheological properties and printability 

 

In order to successfully predict the capability of a hydrogel to undergone 3D bioprinting process, is 

crucial to characterize some fundamental parameters, such as shear-thinning behavior, recovery of 

mechanical properties after printing process and mechanical stability of the final printed model, which 

are strictly correlated with rheological parameters such as loss (G’’) and storage (G’) moduli and 

viscosity. In this paragraph, the specific considerations regarding the importance of rheological 

properties of a candidate bioink to predict its printability and the generated constructs are discussed. 

 

In 3D extrusion-based processes, a bioink initially present a bulk resting state (pre-printing stage), 

displaying high value of viscosity, undergoes a transition to a high shear condition while passing 

through the nozzle (printing process stage), takes a new shape, and finally reaches a new resting state 

(post printing stage), as mentioned in the paragraph 1.4.3. The key rheological properties describing 

these transitions are viscosity, viscoelastic shear moduli and elastic recovery. 

Viscosity (𝜂) is the resistance of a fluid to flow under the application of stress and has a great 

influence on both the print fidelity and efficiency of cell encapsulation. Generally, higher viscosities 
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result in higher printing fidelity but also leads to increased shear stress, which can affect cells viability 

suspended in the bioink. The main factors determining the viscosity of polymers in solution are 

molecular weight, concentration and presence of entanglements, thus the higher is the concentration, 

the molecular weight and the number of the entanglements, the higher is the viscosity. Viscosity is 

also defined as the ratio of the shear stress (𝜏) to the shear rate ( 𝛾
 . ). So, when fluids show a linear 

relationship between shear stress and shear rate are termed Newtonian. On the contrary, fluids 

exhibiting deviations from linearity, with either decreasing or increasing ratios are defined non-

Newtonian, which can be further classified into time independent (shear-thinning and shear 

thickening) and time-dependent fluids (thixotropic) (Figure 5). 

 

 

 

Figure 5. Hydrogel showing (a) shear-thinning behavior and (b) shear-thickening behavior [197]. 

 

Shear-thinning behavior is the most common type of time-independent non-Newtonian fluid 

behavior characterizing printable bioink, in which the increasing shear rates result in a decrease of 

viscosity that promote filament formation. An ideal bioink produces a continuous and homogenous 

filament without affecting cell viability. The molecular mechanisms behind shear-thinning, and the 

physicochemical interactions between molecular chains giving shape retention, mainly depend on 

polymer disentanglement and macromolecular orientation along the shear flow.  

After bioink extrusion, rheological properties should show an opposite trend with respect to those 

reported in the shear thinning situation, since the polymers chains of the hydrogel starts to build up 

the internal forces responsible of the elastic shape retention. The property of displaying viscous flow 

and elastic shape retention is known as viscoelasticity. This behavior can be described using two 

parameters: the storage modulus (G′) and the loss modulus (G′′). G′ is the measure of the amount 

of energy elastically stored during deformation and therefore is associated with elastic shape retention 

of a hydrogel. G′′ measures the amount of energy dissipated by the material and therefore is linked to 

the viscous flow. Viscoelastic properties can be determined via oscillatory rheology, such as 

amplitude sweep test, whereas viscosity is measured under rotation. G′ and G′′ are typically measured 
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as a function of the frequency and amplitude of the oscillation. The G′′/G′ ratio is designated as 

damping factor, loss tangent or tan(δ). When G’ > G’’, the hydrogel behaves like a ‘solid-like’ gel, 

which means the hydrogel has predominately elastic characteristic, like a solid material. On the 

contrary, when G’’ > G’ the hydrogel shows ‘liquid-like’ properties, resembling to a liquid with 

respect to a gel, as reported in Figure 6.  

Tan δ is a parameter which identifies a suitable balance between flow and shape retention; In fact, 

values comprise between 0,4 and 0,5 are related to a good filament formation and high shape fidelity. 

 

 

Figure 6. Amplitude sweep of samples showing (a) solid-like character and (b) liquid-like character. Graphic 

representation of yield point (𝛾𝐿) by evaluating storage (G’) and loss (G’’) moduli through amplitude sweep 

test (oscillation) [197].  

 

Besides storage modulus, shape retention can also be described in terms of the yield point (𝜸𝑳). The 

yield point is the shear stress value at which the range of the reversible elastic deformation (𝐿𝑉𝐸) 

behavior ends and the range of the irreversible deformation behavior begins, as represented in Figure 

6 a. 

Increased yield stress of a bioink generally improves filament extrusion, reducing at the same time 

drops formation, and the stiffness of the final construct, but it can also affect cell encapsulation. 

Furthermore, shape retention can be correlated with the shape fidelity of the final printed construct 

with represent the ability of the bioink to preserve and maintain the filament shape and resolution in 

a multi-layered structure after printing process and during time. 

 

In general, the assessment of printability by means of rheological test can be performed in the 

following way. A first oscillation test (amplitude sweep) can be performed to evaluate the 

rheological properties of a bioink after printing process subjecting the material to increasing shear 

stress to assess whether the hydrogel exhibits a yield stress behavior and if it displays ‘solid-like’ (G’ 

> G’’) or ‘liquid-like’ (G’’ > G’) behaviour. In fact, a hydrogel to be able to form a continuous and 

stable filament with good shape fidelity, must show a ‘solid-like’ features where physical 
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entanglements, crosslinks and chain’s interactions are able to undergo the extrusion and re-form 

initial interactions. 

 The next step is the evaluation of the shear-thinning property by measuring the viscosity of the ink 

as a function of the shear rate. In this case, a hydrogel to be printable must flow under shear force by 

reducing its viscosity with the increase of the shear rate, as mentioned before.  

Finally, recovery tests can be performed to analyze the ability of the materials to restore their elastic 

properties when exposed to alternating high and low shear stress. In fact, with a rheometer, it is 

possible to provide to the hydrogel an initial high shear rate, in order to reproduce the extrusion 

process and, after that, decrease the shear rate almost to zero, in order to evaluate how the hydrogel 

recovers its shape by means of reconstituting internal entanglements. The overall printability 

assessment process is reported in the figure 7. 

 

Figure 7. Schematic representation of the correlation between the printing process and the rheological 

characterization. 

 
 

1.8. Application of 3D bioprinted models for drug screening  

 

This section discusses the applications of 3D bioprinting technologies to build 3D organ models used 

for drug toxicity and drug metabolism studies. More specifically, the use of different 3D bioprinting 

approaches and the performance of current 3D printed tissue constructs, in terms of their drug-

metabolizing potentials and drug dose responses are reviewed. Even though many organ models have 

been reproduced through 3D bioprinting techniques, to be proposed as alternative approaches for drug 
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screening, only few works demonstrated their actual use for this purpose, including liver, tumor, 

intestine and cardiac tissue models.  

Liver models  

Drug-induced liver toxicity is one of the most important reasons for the interruption of a possible 

drug candidate development. Since the liver performs an essential role in drug metabolism, the 

investigation of hepatotoxicity and drug pharmacokinetics is necessary for preclinical drug studies. 

The liver displays a complex structure consisting of permeable endothelium surrounded by 

hepatocytes and several mesenchymal cells. The highly complex structure of this organ makes 

conventional 2D cultures inadequate for an accurate prediction of drug testing due to their lack of 

physiological relevance. For this reason, many 3D in vitro models have been fabricated reproducing 

liver environment into microfluidic systems by using soft-lithography to evaluate drugs responses 

[198-203]. However, new systems ensuring a better dynamic environment replication, for a more 

accurate evaluation of drug metabolism and hepatotoxicity, are highly in demand. 3D bioprinting is 

paving the way to improvement in 3D liver models, thanks to its ability to precise pattern cell-laden 

hydrogels forming complex 3D structures [204,205]. More specifically, different types of cells and a 

wide variety of hydrogels can be printed to replicate complex physiological conditions and fabricate 

models that better mimic 3D cellular architecture while maintaining in vitro liver functions. 

Mazzocchi and co-workers fabricated a simple 3D liver microenvironment using 3D extrusion-based 

bioprinting and studied the hepatocyte functionality under exposure to acetaminophen (APAP) 

toxicant [206]. In this work, type I methacrylated collagen was prepared with thiolated hyaluronic 

acid and UV crosslinker. Primary human hepatocytes and liver stellate cells were mixed with the 

hydrogel to form printable and physiologically relevant bioink that was recognized by the cells as 

their own ECM. Four-spoke structures of this bioink were then printed without affecting the viability 

and functionality of the cell (Figure 8a). To assess the overall functionality of liver organoids, urea, 

albumin, α-GST- a detoxification protein, lactic acid dehydrogenase (LDH), a marker of liver 

damage, were measured over time by adding APAP and the results were compared with the non-

treated model. A significant decrease in urea and albumin levels was observed for the APAP treated 

conditions, compared with the stable levels in the untreated constructs (Figure 8 b,c). Furthermore, 

treated constructs displayed a decrease in LDH and α-GST activities due to the toxicity-related cells 

death. At the same time, untreated models maintain steady LDH and a high level of α-GST (Figure 8 

d,e). Considering these results, this simple 3D bioprinted liver demonstrates to be able to maintain 

hepatocytes viability and to support physiologic response to a well-known liver toxin. Bhise et al. 

reported developing a liver-on-a-chip platform for long-term culture of 3D human HepG2/C3A 
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spheroids for drug toxicity assessment [207]. Firstly, HepG2/C3A spheroids, previously fabricated 

using micromolds, were mixed with photocrosslinkable gelatin-methacrylate (GelMa) hydrogel to 

form a printable bioink. Then a perfusable bioreactor composed of the main chamber and an inlet and 

outlet fluidic ports was fabricated to host 3D printed construct and to ensure to the cells physiological 

flow conditions (Figure 8f). Finally, the cell-laden hydrogel was directly printed within the 

bioreactor's culture chamber and was incubated under continuous perfusion (Figure 8g). Cellular 

functionality was assessed for four weeks by monitoring the concentration of four biomarkers 

(albumin, A1AT, transferrin, and ceruloplasmin) secreted by the hepatic construct. Moreover, cellular 

metabolic activity was evaluated after acute APAP drug exposure in dynamic and physiological 

conditions as a model for predictive drug toxicity. Aqueous media's minimum flow rate was ensured 

to provide sufficient oxygen and nutrient within the cell culture, representing a more realistic system 

with respect to static in vitro conditions. The results show that the printing process does not affect 

spheroids viability for all the incubation period. The liver model was able to well sustain the 

biomarker production for four weeks. The acute hepatotoxic dose of APAP administered to the liver 

construct causes HepG2 apoptosis and leads to a decrease in the biomarkers secretion levels in the 

bioreactor system over time, as observed in other in vitro studies [208][209]. Furthermore, while the 

metabolic activity increased in the bioreactor condition without APAP treatment, there was a 

significant decrease in metabolic activity in the bioreactor cultures treated with APAP (Figure 8 b). 

This metabolic response had a reasonably good correlation with in vivo APAP toxicity data [48]. 

Utilizing physiologically relevant dynamic models, which provide appropriate mass transport for gas 

and metabolite waste, becomes imperative for drug toxicity studies. Furthermore, the great challenge 

to developing an in vitro liver model lies in the existing limitations in recapitulating the liver 

microenvironment based on a complex microarchitecture and different cell combinations. In this 

context, Li and co-workers fabricated an in vitro hepatoma model containing highly uniform 3D 

tumor spheroids based on 3D co-culture cell printing to study the pharmacodynamic of a new 

monoclonal antibody drug known as Metuzumab [210]. Firstly, human hepatocellular carcinoma cell 

line and human umbilical vein endothelial cells (HUVEC) were mixed with thermo-sensitive 

hydroxypropyl chitin (HPCH) hydrogel and Matrigel to form a bioink, which was printed using an 

extrusion-based 3D bioplotter. In a second time, the printed construct was located in a microfluidic 

system that provided a biomimetic extracellular microenvironment to the commonly used 3D printed 

models and improve the pharmacodynamic test's accuracy (Figure 8h). Human peripheral blood 

(PBMC) was used to vehicle Metuzumab drug through the 3D printed construct inside the 

microfluidic system. The presence of the HUVEC printed layer provides liver filtration function for 

the model. In contrast, PBMC allows the whole model to serve as a platform for the antibody-
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dependent cell-mediated cytotoxicity (ADCC) tests. 2D and 3D co-culture printed models that are 

not inserted in the microfluidic system were used to compare cytotoxicity and pharmacodynamic 

response to Metuzumab treatment. In cytotoxicity (Figure 8 i) and pharmacodynamic (Figure 8 l) 

results, 3D printed liver showed a stronger resistance to Metuzumab than 2D cultures but stronger 

sensitivity to drug concentrations to the normal 3D printed model. These results are more similar to 

those obtained from animal experiments with similar mouse monoclonal antibody drugs with respect 

to those one obtained in 2D condition [208][209], mainly due to the more biomimetic drug transport 

and the 3D microenvironment. 

 

 

Figure 8. (a) Schematic illustration of methacrylated collagen type I printed structure combined with thiolated 

hyaluronic acid to obtain a liver organoid. (b,c,d,e) Evaluation of urea, albumin, α-GST, lactic acid 
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dehydrogenase (LDH) production with and without APAP treatment to assess the overall functionality of liver 

organoid. (f) Bioprinting of photocross-linkable GelMA hydrogel-based hepatic construct within the 

microfluidic system. (g) Cellular metabolic activity of GelMA hydrogel-based hepatic construct in the 

bioreactor after APAP treatment detected by Presto Blue assay. (h) Schematic diagram of the microfluidic 

system containing 3D printed cell-laden construct. (i) Cytotoxicity result obtained from antibody-dependent 

cell-mediated (ADCC) test on 3D printed cell-laden construct after Metuzumab treatment. (l) 

Pharmacodynamic result obtained by the following proliferation of 3D printed hepatoma cells in the 

microfluidic system after Metuzumab treatment [206, 207, 210].  

 

Tumor models 

Anti-cancer drug toxicity, along with drug-induced liver toxicity, is one of the reasons for the increase 

in the number of clinical trials failures due to the inaccurate in vitro preclinical models and the limited 

availability of animal models. The tumor microenvironment consists of a complex and heterogeneous 

tissue with various types of cells embedded in ECM. Their properties change in terms of matrix 

stiffening, protein composition and degrees of vascularization [211]. For this reason, printed cell-

laden hydrogels can provide both suitable mechanical properties and the presence of different types 

of cells, thanks to the tunable rheological properties of the hydrogels and to the possibility of printing 

different cell sources at the same time. Here, some examples of 3D bioprinted cervical, brain and 

breast tumors were discussed. Zhao et al. reported a method to construct in vitro cervical tumor 

models by extrusion printing of Hela cells embedded in gelatin/alginate/fibrinogen hydrogels to study 

paclitaxel drug effects (Figure 9 a) [212]. The anti-cancer drug was administered to 3D and 2D 

cultures by simply adding paclitaxel in the culture media. Cell proliferation and metabolic activity 

were evaluated before and after drug treatment and were compared with conventional 2D culture. 

According to experimental data, authors observed the formation of cellular spheroids in the printed 

construct with a higher proliferation rate than monolayer cell sheets growth in 2D culture. Spheroids 

showed higher metabolic activity before and after drug exposure (Figure 9 b), which was evaluated 

considering matrix metalloproteinase (MMP) expression, and higher chemoresistance than those 

obtained in 2D culture drug (Figure 9 c). It demonstrated the importance of three-dimensionality on 

the effectiveness of anti-cancer treatment. In another work, Wang and co-workers developed 3D-

bioprinted mini-brains consisting of glioblastoma cells and macrophages. They screened different 

anti-cancer drugs that target the interaction between these two cell types, which plays a crucial role 

in glioblastoma cell progression [213]. A two-step extrusion printing process was proposed in this 

work to fabricate a tumor model. Firstly, the mouse macrophages cell line (RAW264.7) was printed, 

conferring a spherical shape with an empty cavity to the construct. In the second printing step, the 

cavity was filled with mouse glioblastoma cells (GL261) embedded into photocrosslinkable GelMa, 

to incorporate a mass of glioblastoma tumor into brain tissue containing macrophages (Figure 9 d). 
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Data demonstrated that the low stiffness and the high cell-cell interaction provided from this 3D 

microenvironment increase the production of glioblastoma biomarkers and allow an effective cross-

talk between the different cell types, with respect to 2D cultures on stiff plastic, as shown in 

physiological conditions. Furthermore, tumor cells can attract macrophages to their site and educate 

them to support their survival and fast growth. Lastly, the Authors demonstrated the suitability of this 

co-culture model to be used for the screening of different types of drugs by following the metabolic 

activity of the cells after drug treatment (Figure 9 f,g). Results highlighted that tumor isolated from 

3D co-culture had a higher growth rate compared to monoculture and 2D models and that, after anti-

cancer (BCNU) treatment, the growth of the tumor isolated from the 3D co-culture (Figure 9 f) is 

strongly inhibited compared to the other models (Figure 9 e). It is established that chemotherapy 

works more efficiently in rapidly growing cells [214] and co-culture with macrophages significantly 

enhanced the tumor cell growth, which can be significantly inhibited by chemotherapy.  

Figure 9. (a) Schematic illustration of the 3D cell printing process (up) and design of the 3D Hela/hydrogel 

constructs (down). (b) Cellular metabolic change in 2D planar culture and 3D Hela/hydrogel constructs. (c) 

Cellular metabolic activity after paclitaxel treatment in 2D planar culture and 3D Hela/hydrogel constructs. (d) 

Schematic representation of the cell-laden GelMA-gelatin bioinks preparation for the bioprinted mini-brains. 

(e) Concentration-dependent metabolic activity of GL261 cells in 2D monolayer and GL261 and RAW264.7 

3D monocultures after treatment with BCNU. (f) Metabolic activity of GL261 after co-culture with RAW264.7 

after treatment with vehicle or BCNU. (g) Schematic of breast cancer bioprinting process using dual cell laden 

bioinks (left) and schematic of bioprinted constructs with thin, moderate, and thick ADMSC layers (right). (h) 

Percentage of cells that were stained positive to cleaved Caspase-3 based on IF staining analysis. (i) Positive 

cleaved Caspase-3 cell density in the middle region in the bioprinted constructs with different ADMSC layer 

thicknesses [212, 213, 215]. 
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In another work, 3D breast cancer in vitro model was fabricated by Wang et al. by using extrusion-

based bioprinting to study doxorubicin (DOX) drug resistance [215]. Photocrosslinkable 

methacrylated hyaluronic acid (Me-HA) and GelMa hydrogels were used in the vehicle printing 

process of breast tumor cell line (21PT) and primary human ADMSC, the most common stromal cells 

found in the breast cancer microenvironment. More specifically, 21PT was printed with a disk-like 

shape and ADMSC was printed as a crown around the disk (Figure 9 g). Drug treatment was 

administered to the 3D model by simply adding DOX to the culture media. The cellular metabolic 

activity was evaluated by following capsase-3 protein expression, which plays a central role in the 

execution phase of cell apoptosis. 21PT monoculture was used as a control to understand how the 

concentric co-culture architecture affects DOX efficacy. In the 3D co-culture system, 21PT cells were 

not directly exposed to DOX treatment which first penetrate the ADMSC layers and had an apoptotic 

effect on the 21PT cells. In comparison, monoculture showed higher capsase-3 production since 21PT 

are in direct contact with DOX dose, demonstrating to be more sensitive to DOX dose (Figure 9 h). 

The thickness of the ADMSC layers to mimic the status of obesity was further tuned (Figure 9 g). In 

the moderate and thick layer groups, significantly less cleaved Caspase-3 staining was observed, 

indicating a lower apoptosis rate (Figure 9 i). Moreover, the matrix remodeling process produced 

from ADMSC and 21PT was observed by evaluating the hydrogel stiffness after 21 days of culture. 

The stiffnesses in both regions significantly increased, demonstrating matrix remodeling and 

stiffening.  

 

Cardiac tissue models 

Cardiovascular diseases are one of the leading causes of global deaths. Heart donors are not readily 

available, so there is a great need to focus on new cardiac regenerative medicines. 3D bioprinting 

technology has a great potential for engineering 3D tissue models for cardiovascular regeneration 

[216]. 3D cardiac tissue models can better recapitulate the 3D microenvironment and its impact on 

the cardiac cells. Millet et al. [217] created a cardiac micro-tissue with microscale alignment cues in 

a hydrogel scaffold consisted of a mixture of alginate, gelatin methacryloyl and photoinitiator 

Irgacure 2959. They validated these cardiac tissues against isoproterenol and verapamil drugs and 

observed measurable beating frequency and displacement changes. The developed bioprinted cardiac 

micro-tissues have excellent potential for high-throughput screening in drug discovery. In vitro 

replication of cardiac tissues remains a significant challenge due to the hierarchical structure and the 

strong cellular directionality of the native myocardium. The lack of vascularization brings additional 

complexity and limits currently available models, improving the fabrication of integrated 

cardiovascular organoids. Zhang et al. [218] proposed a novel strategy based on 3D bioprinting to 
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fabricate microfibrous scaffold encapsulating endothelial cells (HUVEC) to form a layer of confluent 

endothelium that can support cardiomyocytes (CMs) growth in a relevant physiological tissue. The 

improvement of these models with respect to other 3D printed cardiac tissue consists of the 

combination with a microfluidic perfusion bioreactor adopted to screen pharmaceutical compounds 

for their cardiovascular toxicity. Firstly, a mixture of alginate and photocrosslinkable GelMa loaded 

with HUVEC was printed to form a multilayer grid that sustained scaffold endothelialization and 

vascularization (Figure 10 a1,2). Then, CMs were seeded onto the printed construct following the 

formation of a confluent endothelium layer (Figure 10 a3). The printed scaffold was placed in a pre-

fabricated bioreactor consisting of two hemi-chambers that provide all the nutrients and allow the 

study of drug effect in dynamic conditions. The results showed that assembling endothelial cells 

within the bioprinted scaffold resembled a blood vessel structure (Figure 10 a4). Dose-dependent 

response of both cardiomyocytes and endothelial cells was observed in perfusion conditions. The 

human-derived myocardial organoids seemed to have slightly lower endurance than those of rat origin 

(Figure 10 b,c,d,e).  

 

  

Figure 10. (a) Schematic representation of fabricating endothelialized myocardium using the 3D bioprinting 

strategy. (1) Bioprinting of a microfibrous scaffold encapsulating endothelial cells. (2) Formation of the 

vascular bed through migration of HUVECs to the peripheries of the microfibers. (3) Seeding of 

cardiomyocytes into the endothelialized scaffold. (4) Formation of engineered endothelialized myocardium. 



Introduction 
 

40 
 

(b) Relative beating of the endothelialized myocardial tissues and (c) the levels of vWF expression by the 

endothelial cells, respectively, upon treatment with different dosages of doxorubicin. (d) Relative beating of 

the endothelialized human myocardial tissues and (e) the levels of vWF expression by the endothelial cells, 

respectively, upon treatment with different dosages of doxorubicin. (f) Schematic representation of interstitial 

layer containing 3D printed adult human intestinal myofibroblasts (IMF) and adult human intestinal epithelial 

cells (hIEC). Evaluation of 3D intestinal tissue metabolic activity considering CYP2C9 (g) and CYP3A4 (h) 

enzymes activity [218, 219].  

 

Intestine models 

The human intestinal mucosa plays a crucial role in the drugs absorption, distribution, metabolism, 

and excretion (ADME) process, which can be altered by undesirable side effects involving drug-

induced toxicity. This phenomenon contributes to attrition in drug development and points out the 

need for better preclinical intestinal models. Many developments were made to mimic the intestinal 

barrier's phenotypic composition and hierarchical architecture, mainly achieved by using soft-

lithography or photo-lithography techniques [219]. Recapitulation of intestinal tissue structure 

through 3D bioprinting remains challenging due to the highly complex structure of intestinal villus 

and cellular arrangement. Recently, Madden et al. generated a 3D printed intestinal tissue comprising 

of human primary intestinal epithelial cells (IMF) and myofibroblasts, whose cellular architecture 

and function mimic the native intestine [219]. Different 3D intestine models were printed into 

transwell culture inserts composed of a permeable membrane placed over a basolateral compartment 

(Figure 10 f) [219]. The developed polarized epithelium with columnar epithelial morphology, tight 

junctions, and villus-like shape formation, maintained its stability for more than two weeks, as 

reported from the histological characterization. Furthermore, the evidence of mucus production and 

mucin-2-expressing goblet cells and lysozyme-expressing Paneth cells obtained from the 

immunohistochemistry suggests this system's potential ability to model mucosal barrier function. In 

particular, mucin-2 expression confirmed the presence of goblet cells and mucous secretion, a feature 

similar to that one observed in the native tissue and an indication of normal intestinal function [220]. 

In addition to goblet cells, other specialized cell types present in the intestinal epithelium included 

lysozyme-positive Paneth cells and chromogranin-expressing enteroendocrine cells. Patterning of 3D 

intestinal tissues was similar to that observed in native intestinal tissue and consistent between 

multiple donors [219]. Moreover, the tissue architecture of the 3D intestinal model was also compared 

with that of standard Caco-2 monolayer culture [219]. Caco-2 monolayers achieved a polarized 

epithelial phenotype with tight junction formation, although epithelial morphology appeared less 

columnar and lacked secondary structure formation. Different compounds were tested to assess drug 

toxicity and intestine metabolism. More specifically, the metabolic function of 3D intestinal tissue 

was assessed by evaluating the expression of two major intestinal Phase I cytochrome P450 metabolic 
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enzymes (CYP2C9 and CYP3A4) after exposure to sulfaphenazole and ketoconazole. Results 

demonstrated the expression of key enzymes involved in xenobiotic metabolism, including CYP3A4 

(Figure 10 g,h), an enzyme known to be absent in 2D models [220]. Drug toxicity was evaluated in 

response to indomethacin, a known toxicant, and the tumor necrosis factor-alpha (TNF-a) [219]. 

Indomethacin treatment seemed to inhibit prostaglandin E2 secretion, confirming the known 

mechanism of activity as previously reported in vitro by Tomisato et al. [221] and in vivo by Boelsterli 

et al. [222]. Histological analysis further illustrated dose-dependent disruption of epithelial 

morphology with decreased E-cadherin expression, consistent with the loss of barrier function [219]. 

Furthermore, since the release of inflammatory cytokines may also damage the intestine, and TNF-α 

is a major contributor to disease-related inflammation and intestinal toxicity [223,224], to evaluate 

the susceptibility of the model to pro-inflammatory cytokines, tissues were dosed with TNF-α for 24 

hr and evaluated for changes in morphology, LDH release, and gene expression [219]. Results showed 

that TNF-α altered the epithelial morphology leading to the dissociation of cells from the interstitial 

layer accompanied by a significant increase in LDH release, suggesting a cytotoxic response and 

enterocyte death. Finally, as a general consideration, this work [219] suggested that the human 

intestinal tissue proposed combined with the 3D bioprinting platform makes this system a practical 

and useful in vitro tool for ADME/Tox drug testing, thanks to its compatibility with standard assay 

approaches.  

 

Conclusions and critical outlooks 

3D cell culturing methods provide an excellent alternative to traditional 2D cell cultures and animal 

testing, for the assessment of drugs' effectiveness and side effects, even though they are still in their 

beginning stages. These methods have the unique potential of bridging the gap between 2D culture 

and native tissue and for this reason they are increasingly used in medical research for tissue 

regeneration and, more importantly, for disease modeling, and drug discovery [223,225]. 3D tissue 

models are especially promising to better understand and treat human diseases [224] and to obtain 

more physiologically relevant information for both basic and translational sciences. 

 Although 3D bioprinting represents an automated technique, easily adaptable to the high-throughput 

screening, it must overcome several technological challenges. For instance, inkjet technology is 

limited to a range of viscosity from 3.5 mPa s to 12 mPa s, the thermal inkjet bioprinter may reach 

certain temperature which can negatively impact cells functionalities and the piezoelectric inkjet 

bioprinter could induce cell lysis in the high frequency range of piezoelectric pulse [226]. 

Additionally, in order to maintain high cell viability after the printing process and avoid nozzle 



Introduction 
 

42 
 

clogging, bioinks for the inkjet bioprinting are usually prepared with a reduced cell density with 

respect to those contained in the natural tissues [226]. Similar consideration can be applied to laser-

based bioprinting since only a narrow range of viscosities (1-300 mPa s), which requires rapid 

gelation kinetics to achieve high shape fidelity, can be printed [128]. Furthermore, this technology is 

not commonly used as bioprinting technique due to the complexity of the laser system control and its 

high cost of maintenance, although it can achieve a wide range of resolution from the highest of 20 

µm to the lowest of 300 µm [128]. Finally, extrusion-based bioprinting is the most employed 

technique in the labs since it is easy to manage at an affordable cost and it allow to obtain thick and 

complex 3D structures even by using different bioink viscosities ranging from 30 mPa s to 6×107 

mPa s [129]. Despite these advantages, this technology is limited by frequent nozzle clogging, low 

printing resolution (typically greater than 100 µm) [129], and the bioink not always fulfil specific 

mechanical requirements. 

Furthermore, 3D bioprinted models for drug testing must overcome several technological, regulatory 

and ethical challenges prior to inclusion in the drug screening pipeline. Firstly, these models lack of 

key physiologically features which, at the moment, are fully recognized only by the animal models, 

such as the reproduction of tissue vasculature and incorporation of multi-cellular components which 

cooperate each other’s in a synergic way during drug-tissue interaction. Strategies involving 

decellularized matrix in combination with 3D bioprinting have been tested to improve the 

vascularization of these 3D tissues but development on the ability of these models to sustain long-

term vascular integration still remains challenging. Secondly, the reproduction of dynamic 

physiological conditions plays a crucial role for the evaluation of drug effects since it can improve 

readouts and reduce the number of failures. As reported in the present paragraph, most of the 3D 

models are mainly employed in static condition, and only few works evaluate drug effects in dynamic 

flow by combing 3D printing technologies with bioreactors or microfluidic systems 

[198][199][200][201][202][203]. Finally, the acceptance of a 3D bioprinted model for drug testing 

applications still requires a long validation process involving reference drugs based on a large set of 

well documented and already accepted experiments. The main example of a human-relevant in vitro 

model is the 3D bioprinted skin currently used in cosmetics field [227]. After validation of the model 

by testing different compounds with well-known mode of action on the skin, the 3D skin model is 

now considered as an acceptable in vitro system for skin irritation testing, demonstrating to be an 

excellent model to predict drug effects on humans [227].
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2. Experimental section 

 
2.1. Hydrogel synthesis 

 

2.1.1. Materials 

 

Sodium alginate (Mw: 200 kDa) was purchased from Carlo Erba; Sodium alginate protanal LFR 5/60 

(Mw: 20-80 kDa) was gifted by DuPont; Gelatin from Porcine skin Type A, Gel strength 300 was 

purchased from Sigma Aldrich; 2,5% w/v Suspension of Type I Collagen was gently provided by 

TypeOne Biomaterials s.r.l.; Carbonate Bicarbonate Buffer (CB), Methacrylic Anhydride (MAA) 

(Sigma Aldrich), NaOH 5 M (Sigma Aldrich) and HCl 37 % (Sigma Aldrich) were used for the 

methacrylation of both alginate (AlgMa) and gelatin (GelMa) hydrogels. Dialysis Membrane 12-14 

kDa (Sigma Aldrich) and ultrapure water (Milli-Q H2O) were used for the product purification. 

Phosphate Buffered Saline (PBS) (Sigma Aldrich) and Calcium Chloride (Sigma Aldrich) were used 

for the preparation of GelMa and AlgMa hydrogels, while the initiator 2-Hydroxy-4’-(2-

hydroxyethoxy)-2-methylpropiophenone (Irgacure 2959) (Sigma Aldrich) and a solution of calcium 

chloride 40 mM were used for the crosslinking process.  

 

2.1.2. Alginate-methacrylate synthesis optimization 

Alginate methacrylate (AlgMa) was prepared by grafting the methacrylic group of the methacrylic 

anhydride (MAA) into the alginate backbone chains. Although this mechanism of reaction is well-

known and widely reported in the literature to produce photocrosslinkable natural-based hydrogels, 

such as gelatin-methacrylate [156], collagen-methacrylate [228,229], hyaluronic acid-methacrylate 

[230] and chitosan-methacrylate [231], it is usually based on a laborious practice, which involve 

numerous pH adjustments during the whole reaction time, to maintain the suitable pH necessary to 

promote the substitution of the methacrylic group on the hydroxyl group of the alginate carboxylic 

functionalities. Furthermore, the high molar excess of MAA usually required to achieve a good degree 

of substitution, make this traditional approach not affordable and not easy to handle. For this reason, 

in this Thesis, an affordable alginate methacrylation process was accomplished by adapting for the 

first time the new gelatin methacryloyl synthesis proposed by Shirahama et al. [156] to the alginate 

polymer chains, in order to make the AlgMa production easier and more manageable and to reduce 

the excess of MAA used in the reaction.  

Alg (2 % w/v) was dissolved in 0.325 M carbonate (CB) buffer at pH 9. Subsequently, excess of 

MAA (1 mL/g Alg) was dropped into the alginate solution under magnetic stirring at 500 rpm and 50 

°C. Once the reaction starts, methacrylic acid sub product is formed and the pH tends to decrease 
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below pH 6. For this reason, NaOH 5 M was added to the reaction until the solution reaches again 

pH 9, in order to promote the methacrylation process. The reaction proceeded for both 24 h and 72 h, 

at 50 °C, and the pH was stable for the entire process between 7.5 and 8. Then the solution was 

dialyzed for 6 days at room temperature (RT), under gentle stirring and protected from light. Then, 

the dialyzed solutions were filtered with 0.2 µm sterile filters and freezed at -20 °C prior 

lyophilization. Finally, the samples were lyophilized overnight at – 45 °C and 0.32 Bar and stored at 

4 °C protected from light until further use. 

 

2.1.3. Gelatin-methacrylate synthesis 

 

Gelatin methacrylate was obtained through a methacrylation reaction, as reported for the AlgMa 

synthesis, between the hydroxyl groups and the primary amino groups of the gelatin chains and the 

MAA, under suitable conditions of pH, temperature, and initial concentration of reagents. The 

traditional preparation method of GelMa was originally developed by Van Den Bulcke et al. [156]. 

Over the years, the synthesis of GelMa has been optimized with the aim to reduce the laborious 

synthesis timing and the several pH adjustments required to run the reaction. For this reason, to 

accomplish the gelatin methacrylation in the most effective way, CB buffer was employed with 

respect to the traditional PB solution, which turns out to be the best solvent to carry out the reaction 

by yielding a high degree of substitution (ca. 90 %). 10% (w/v) of gelatin type A (10 g) was dissolved 

under vigorous stirring in a 0,25 M (99ml) CB buffer in a two-neck round-bottom flask (250 ml of 

capacity), by heating at 50 °C through an oil bath. The pH of the solution after gelatin solubilization 

reached a value of 8. Thus, in order to overcome the isoelectric point of the gelatin and to ensure the 

de-protonation of the NH2 groups, the pH was increased up to 9 by using few drops of NaOH 5M. 

The reaction started with the addition of MAA (0,1ml/gr of gelatin) at 50°C under a rigorous stirring 

at 500 rpm. The reaction proceeded for 1h at 50°C and then it was quenched by adding HCl, bringing 

the pH to 7.4. In order to remove methacrylic acid sub-product produced during the reaction and any 

traces of unreacted methacrylic anhydride, the mixture was dialyzed through 12-14 kDa MWCO 

(molecular weight cut-off) dialysis membranes for 5 days against ultrapure water (Milli-Q), at 37°C 

under a vigorous stirring (500 rpm), changing the Milli-Q water every 3 hours. At this point, the 

solution was freezed at -20°C overnight and lyophilized at -45°C and 0.32 Bar of pressure. The 

lyophilized product was stored at -4°C protected from the light until further use. 
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2.1.4. Collagen synthesis 

 

Collagen extraction and synthesis were completely carried out by Typeone Biomaterials s.r.l. The 

collagen formulation (from equine tendon) was directly provided by the company as a stable 

suspension at neutral pH and concentration of 2.5 %. The extraction and synthesis process are 

protected by patents. 

2.2. Cell culture 

In this Thesis, HeLa cell line, Human skin fibroblast (HSFs) patient’s derived, human colonic 

fibroblasts CCD-18Co (HIFs), Caco-2 cell line and Human colonic epithelial (HCTs-8) cell line 

tumour’s derived were employed as biological components to reproduce living 3D bioprinted in vitro 

models. 

2.2.1. HeLa cell culture 

 

HeLa cells (ATCC, CCL-2) were employed during all experiments. Both bidimensional and three-

dimensional cultures were maintained in Dulbecco’s Modified Eagle’s Medium (Microgem, TL1006) 

supplemented with 10% Fetal Bovine Serum (South America; Microgem, RM10432), 2 mM L-

glutamine, 50 U/mL penicillin, 50 µg/mL streptomycin (Microgem) and cultured at 37°C, 5% CO2. 

Bidimensional cultures were passed upon trypsin digestion every two or three days; growth medium 

of 3D constructs was changed every two or three days. 

 

2.2.2. Human fibroblast cell culture 

 

Human skin fibroblasts (HSFs) patient’s derived and human colonic fibroblasts CCD-18Co 

(HIFs) (ATCC, CRL-1459) cell line were selected in this Thesis to evaluate their different migration 

and invasion capability in different 3D models. Both cell types were gently provided by the centre of 

“Investigación Biomédica” from the University of Granada. HSFs were used after approval by the 

ethics committee. HFs were isolated from samples of human skin (3 x 3 cm) obtained from donors 

which were transported from operating room to the laboratory in sterile pots containing a solution of 

98.28% Dulbecco’s Modified Eagle’s Medium (DMEM) high glucose and without phenol red (Sigma 

Aldrich, St Louis, MO, USA), 0.8% Penicillin Penilevel 600.000 U.I. (ERN Laboratories, Barcelona, 

Spain), 0.5% Amphotericin B solution 250 μg/mL (Sigma Aldrich), 0.4% Gentamicin GENTA 

GOBENS 20 mg/mL (Normon Laboratory, Madrid, Spain) and 0.02% Vancomycin 500 mg (Ramón 

Sala Laboratory, Barcelona, Spain) and they were finally processed in the following 24 h. All human 

samples used in this study were obtained after informed consent and authorization was provided from 
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the Granada Provincial Ethics Committee (Ministry of Health and Families, Andalusia, Spain, 

reference: 0467-N-20). Once in the laboratory, tissues were introduced in Air Flow Cabinets Type II 

(Labconco, Kansas City, MO, USA) and washed in a solution constituted of 98.28% Dulbecco’s 

phosphate-buffered saline (DPBS; Sigma Aldrich), 0.8% Penicillin Penilevel 600 000 U.I. (ERN 

Laboratories), 0.5% Amphotericin B solution 250 μg/mL (Sigma Aldrich), 0.4% Gentamicin GENTA 

GOBENS 20 mg/mL (Normon Laboratory) and 0.02% Vancomycin 500 mg (Ramón Sala 

Laboratory) for 30 min. Then, HFs from dermis were isolated and cultured after a process that 

combine mechanical and enzymatic disaggregation. Briefly, dermis was mechanically detached and 

was incubated overnight at 37°C under constant agitation in 10 mL of type I collagenase solution 

(GIBCO, Thermo Fisher Scientific, Waltham, MA, USA). Detached fibroblasts were collected by 

centrifugation and expanded in culture flasks containing DMEM supplemented with antibiotics (100 

U/ml of penicillin G, 10 mg/ml of streptomycin and 0.025 mg/ml of amphotericin B) and 10% of FBS 

and then incubated at 37°C in 5% CO2. The medium was changed every 3 days, and subcultivation 

of the cells was carried out using a trypsin/EDTA (0.5/0.2 g/l) solution at 37°C for 10 min.   

HIFs cells were cultivated in T75 flasks and maintained in Dulbecco’s modified Eagle medium (1X) 

+ GlutaMAX (DMEM; Gibco) enriched with 10% (v/v) of Fetal Bovine Serum (FBS; Gibco) and 1% 

(v/v) of penicillin/streptomycin (Gibco;10,000 U/mL) in a 5% CO2 incubator at 37 °C. The culture 

media was changed every 2 days and subcultures were obtained by using 0.25% of trypsin (Gibco) 

for 10 min at 80%-90% of confluency, in order to allow the detachment of the cells from the flasks. 

 

2.2.3. Human epithelial cell culture 

 

Caco-2 cell line (ATCC, HTB-37) was gently provided from the University of Bologna (Fabit 

department, Prof. Enzo Spisni’s research group). Cells were cultivated in T75 flasks and maintained 

in Dulbecco’s modified Eagle medium (1X) (DMEM; Gibco) supplemented with 10% (v/v) of Fetal 

Bovine Serum (FBS; Gibco), 1% (v/v) of penicillin/streptomycin (10,000 U/mL; Gibco) in a 5% CO2 

incubator at 37 °C. The culture media was changed every 2 days. Caco-2 cells were subcultured in 

T75 flasks by using 0.25% of trypsin (Gibco) at 80%-90% of confluency for the detachment from the 

flasks. 

Human colonic epithelial (HCTs-8) cell line (ATCC, CCL-244) tumour’s derived was selected in 

this Thesis thanks to its high migration, proliferation rate and ability to autonomously reproduce villi-

like structure. Cell line was provided by the centre of “Instrumentación Cientìfica” from the 

University of Granada.  HCTs-8 cells were cultivated in T75 flasks and maintained in Gibco Roswell 
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Park Memorial Institute (RPMI 1640; Gibco) supplemented with 2mM Glutamine, 1mM Sodium 

Pyruvate (NaP), 5% Horse Serum (HS; Gibco) + 5% Fetal Bovine Serum (FBS; Gibco) and 1% (v/v) 

of penicillin/streptomycin (Gibco;10,000 U/mL) in a 5% CO2 incubator at 37 °C. The culture media 

was changed every 2 days. HCTs-8 were subcultured in T75 flasks by using 0.25% of trypsin (Gibco) 

at 80%-90% of confluency for the detachment from the flasks. 

2.3. Hydrogel and bioink preparation 

 

2.3.1. Alginate methacrylate  

 

AlgMa-based hydrogel was prepared by weighing and dissolving lyophilized AlgMa in PBS (1X) at 

37 °C through a sterile disposable composed by two syringes of 5 ml attached with a luer lock that 

close the system allowing the solution mixing in sterile condition by avoiding any leaks. After that, 

the AlgMa solution 4% (w/v) produced, is mixed with a water-based solution of CaCl2 60 mM, in a 

ratio of 25:10 v/v, in order to obtain the hydrogel and confer to it good printability and mechanical 

stability prior the mixing with the cells. The concentration of the pre-crosslinking CaCl2 solution and 

the ratio between the AlgMa and calcium chloride solution were selected as the best conditions after 

several trials with other pre-crosslinking solutions. Then, by starting from this hydrogel formulation, 

two different AlgMa-based inks were developed, named as AlgMa ink A (AIA) and AlgMa ink B 

(AIB), resulting from the mixing between the pre-crosslinked AlgMa hydrogel formulation and the 

Irgacure 2959 (I2959) at 0,2 % w/v (AIA) and 0,25 % w/v (AIB), respectively. Finally, 100 µL of 

HeLa cells (106 cells/100 µL of cell culture media) were gently mixed with 1 mL of each ink 

formulation to form AlgMa bioink A (ABA) and AlgMa bioink B (ABB), respectively. 

 

2.3.2. Gelatin methacrylate 

 

GelMa 5 % (w/v) hydrogel was prepared by weighing and dissolving lyophilized GelMa in a sterile 

disposable composed by two syringes of 5 ml attached with a luer-lock that close the system allowing 

the solution mixing in sterile condition by avoiding any leaks. This double-syringes system was 

covered and then immersed in a water bath heated at 37°C, in order to promote GelMa solubilization 

which is a well know thermo-dependent sol-gel process. In fact, over 32 °C GelMa displays liquid 

features while under 32 °C starts to become a gel phase, which is the typical behavior of the upper 

critical solution temperature (UCST) hydrogels. After the hydrogel preparation, Irgacure 2959 was 

added to get a final concentration of 0,1 % (w/v) to produce GelMa ink (GI). Finally, 100 µL of 

human skin fibroblast (HSF) (106 cells/100 µL of cell culture media) and 100 µL of human intestinal 

fibroblast (HIF) (106 cells/100 µL of cell culture media) were separately and gently mixed with 1 mL 
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of GelMa hydrogel to form the corresponding GelMa bioink HSF (GBHSF) and GelMa bioink HIF 

(GBHIF), respectively. 

2.3.3. Collagen  

 

Collagen suspension hydrogel was provided from Typeone Biomaterials directly ready-to-use at 2.5 

% (w/v) and with a neutral pH. In this particular case, collagen suspension hydrogel and collagen ink 

(CI) have the same formulation, since Irgacure 2959 is not employed for the photo-crosslinking 

process. This formulation was left at room temperature for several minutes and, then, it was mixed 

with cells suspension to directly form the desired bioink. In particular, 100 µL of human skin 

fibroblast (HSF) (106 cells/100 µL of cell culture media) and 100 µL of human intestinal fibroblast 

(HIF) (106 cells/100 µL of cell culture media) were separately and gently mixed with 1 mL of collagen 

hydrogel to form the corresponding Collagen bioink HSF (CBHSF) and Collagen bioink HIF 

(CBHIF), respectively. 

2.3.4. Gelatin methacrylate and collagen IPN 

 

IPN hydrogel was prepared starting from GelMa hydrogel at a concentration of 10% (w/v) and 

collagen suspension at a concentration of 2.5% (w/v), in a ratio of 50:50 (v/v). Firstly, GelMa 

hydrogel 10 % (w/v) was prepared by following the protocol described above. Then, this formulation 

was mixed to the collagen ink ready-to-use through the double-syringes mixing system coupled with 

luer-lock system, in order to get an initial homogenous blend of the hydrogels. Finally, to create the 

so-called interpenetrating network, two photo-crosslinking steps with UV light were exploited before 

and after the 3D bioprinting process. The first UV irradiation step, which provide the covalent 

linkages between the collagen chains and can be formed without the presence of a photo-initiator, 

was carried out by positioning at 1 cm the UV lamp source at 50 % of its intensity (corresponding at 

12 mW/cm2) above the sterile syringe containing the blend. Then, the photo-initiator Irgacure 2959 

was mixed by using the same double-syringes mixing system with the partial cross-linked hydrogel 

at a concentration of 0,1 % (w/v) of Irgacure 2959 to formed the semi-IPN ink (SI). At this point, 

100 µL of human skin fibroblast (HSF) (106 cells/100 µL of cell culture media) and 100 µL of human 

intestinal fibroblast (HIF) (106 cells/100 µL of cell culture media) were separately and gently mixed 

with 1 mL of the semi-IPN ink to form the corresponding semi-IPN bioink HSF (SBHSF) and semi-

IPN bioink HIF (SBHIF), respectively. 

It is important to notice that, the truly IPN formation occurs after the bioprinting process of both 

SBHSF and SBHIF bioinks when the second photo-crosslinking process is triggered by the second step 
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of UV irradiation, in which the acrylate moieties branched to the GelMa backbone chains form 

covalent bonds. This process, will be explained in detail in the crosslinking methods paragraph. 

2.4. 3D bioprinting  

 

2.4.1. Bioprinters characteristics 

 

Cellink incredible plus, Regemat 3D V1 and REG4LIFE bioprinters were used for the fabrication of 

the 3D models discussed in this Thesis. In particular, alginate-based models were obtained through a 

3D bioprinting process with the Cellink incredible plus, which consists of an integrated cabinet that 

ensure sterile environment, while gelatin and collagen-based models were fabricated by means of 

Regemat’s bioprinters, which were placed under a laminar flow hood to ensure the sterile working 

conditions. All the printing systems have multi-syringes heads which allow to print multiple types of 

bioinks in a controlled manner. The bioprinters can be controlled by the custom-made software 

provided by the companies in all the spatial environment (x,y,z axis). Cellink incredible plus is based 

on extrusion mechanism controlled by a pressure system, while Regemat’s bioprinters are based on 

the same extrusion mechanism equipped with a piston driven system. The other differences between 

the bioprinters are related (i) to the ability of moving independently each syringe holder containing 

specific bioink, in order to obtain multi-layered and multi-component scaffolds directly with one 

bioprinting process, and (ii) to the possibility of controlling syringes and bed temperature. In 

particular, while Cellink and REG4LIFE display independent syringe movement that can be 

controlled one by one to deposit different bioinks in the desired portions of the pre-designed scaffolds, 

Regemat V1 does not allow multiple bioinks deposition during the same printing process, since the 

syringes are located in a single block holder. Furthermore, Regemat’s bioplotters were customized 

with a refrigerating system to fine control both syringes and bed temperature to improve the printing 

process by avoiding nozzle clogging and to increase printing resolution, especially when thermo-

responsive bioinks are used.  

 

2.4.2. Bioprinting parameters 

 

The choice of the nozzle diameters, pressure, temperature, flow speed and head movements are 

crucial parameters to consider before the printing process, since they directly influence the quality of 

the printing, the filament extrusion and the resolution of the final scaffolds. Commonly, nozzle sizes 

ranging from 0.25 mm to 0.41 mm in diameter are involved when soft materials such as hydrogels 

are employed. It is pointed out that the smaller is the nozzle diameters the greater is the resolution 
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and accuracy of the scaffold fabrication. However, when bioinks containing cells are extruded 

through a nozzle with small diameters, cells viability and functionalities might be negatively affected 

due to the high pressure they are forced to undergone. Furthermore, the resolution of the printing 

strictly depends even on the bioink ability to maintain the filament shape after the extrusion, which 

is strictly correlated with the rheological properties of the hydrogel formulation. For this reason, after 

several optimization of the printing setup and parameters, 0.41 mm of nozzle diameter were selected 

as the best to print all the bioinks and the corresponding inks not containing cells.   

2.4.3. 3D models design and fabrication 

 

3D constructs were designed by using CAD design model integrated in the bioprinter’s software. The 

models were exported as STL file (Standard Triangle Language acronym) to generate the G-Code 

files containing all the information in machine language. The software allows to set the height of each 

layer that will compose the final structure, the size of the nozzle used, the printing speed of the 

extruders expressed in mm/s, and, since the bioprinters operate by first depositing the hydrogel that 

form the perimeter of the desired shape, it is possible to set the percentage and pattern infilling in the 

structure. To obtain defined structures and a fluent bioprinting process, numerous tests were carried 

out before to define the optimal printing parameters. AlgMa-based scaffolds were obtained by a 

pressure-controlled extrusion process at 10 mm/s of flow speed and 50 Pa of pressure. GelMa and 

collagen-based models were printed by maintaining the temperature of both syringe and bed at 20 °C, 

in order to avoid nozzle clogging due to their thermo-responsiveness, and the flow speed of 5 mm/s 

along with the perimeter speed of 10 mm/s were employed. Finally, all the constructs were printed 

by following the pre-designed geometry inside petri dishes or inside 24 multiwell.  

For what concern, AlgMa-based models, solid circular geometry (infill of 100%) with 10 mm of 

diameters and 3 mm of thickness were obtained to carry out the preliminary biological tests. In a 

second moment, a “fortune cookie” shape-like platform was printed as reported in the schematic 

representation below (Figure 11 (a,b)) in order to get a single platform through which cell behaviour 

can be evaluated in different mechanical conditions provided by the crosslinking process which were 

specifically optimized for this model and that will be explained in the section 2.5. As represented in 

Figure 11 a, the “fortune cookie” platform is 3 mm in thickness and 15 mm in width, with 100 % of 

infill. 

Regarding GelMa, collagen and IPN-based models, two types of bioprinting process were carried out. 

Firstly, simple multi-layered structures were obtained by printing separately collagen and semi-IPN 

inks, labelled as CI for collagen ink and SI for semi-IPN ink, to produce 3 layers models with a 
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cylindrical shape (1.5 mm of thickness and 1 cm in width) not containing embedded cells, by 

following shape (A) model as represented in Figure 11 c. In this case, Regemat 3D V1 was employed 

for the fabrication of these models, since the structures are formed by the same composition through 

the entire structure. These models will be seeded with Caco-2 cell lines, as explained in the 3D cell 

culture section. Secondly, a multiple-step bioprinting process was optimized with both GelMa, 

collagen and semi-IPN-based inks (GI, CI, SI) and the corresponding bioinks (GB, GC, GI) 

containing human skin fibroblast (GBHSF, GCHSF, GIHSF), in order to build multi-layered structures 

characterized by different composition through the z-axis (the bottom layers containing cells and the 

top layer not containing cells). Human intestinal fibroblasts (HIFs) were used as control only in the 

pure collagen based-models. In particular, two syringes heads of the REG4LIFE were employed for 

the 3D models fabrication by following the schematically bioprinting steps reported in Figure 11 d, 

from which the shape (B) models are obtained. Firstly, one layer of bioink C, G and S, containing 

human skin fibroblasts (CBHSF, GBHSF, SBHSF) and one layer of bioink C containing human intestinal 

fibroblasts (CBHIF) were printed in a circular shape with 100 % of infill pattern (layers thickness 1.5 

mm), in order to ensure the formation of the desired targeted tissue (submucosa layer of the intestinal 

tissue). Secondly, a second layer of the corresponding inks not containing cells was printed onto the 

models, which, at this point, are ready to undergone post-printing crosslinking process and cell 

seeding of epithelial intestinal layer (HCTs-8 cells line), as described in the following sections. All 

the bioprinting processes were carried out at 20 °C by preserving cell functionalities.  

 
Figure 11. Schematic representation of (a,b) AlgMa-based “fortune cookie” platform; Schematic 

representation of (c) bioprinting process of semi-IPN and collagen-based models, not containing cells, with 

shape (A) by using Regemat 3D V1 bioprinter; Schematic representation of (d) bioprinting process of semi-



Experimental section 
 

52 
 

IPN, collagen and GelMa-based models, containing HIFs and HSFs, with shape (B) by using REG4LIFE 

bioprinter. 

 

2.5. Crosslinking methods  

 

2.5.1. Alginate methacrylate-based bioinks crosslinking 

 

In order to stabilize the hydrogels against water hydrolysis and obtain tuneable mechanical properties, 

different post-printing crosslinking processes were carried out on the 3D printed structures. The 3D 

models obtained with the AlgMa bioink A underwent a dual crosslinking process: (1) a first 

crosslinking step with UV light (intensity: 22-26 mW/cm2, distance from light source: 5 cm, 

wavelength of UV light: 365 nm) at 60 sec, 90 sec, 120 sec and (2) a second crosslinking step with 

the CaCl2 solution (40 mM) for 5 min. These three 3D models were labelled as ABA60Ca, 

ABA90Ca, ABA120Ca. The same protocol was applied to the corresponding models obtained with 

the ink not containing cells, in order to evaluate whether the presence of the cells affect the ink 

rheological properties, and the 3D models obtained were labelled as AIA60Ca, AIA90Ca, 

AIA120Ca. As regards, AlgMa bioink B it was used to obtain six 3D models, three of them 

undergone the same post-printing dual crosslinking process described for bioink A and they were 

labelled as ABB60Ca, ABB90Ca, ABB120Ca; while the remaining three 3D models, were 

crosslinked only with UV light for 60 sec, 90 sec and 120 sec after printing process and they were 

labelled as ABB60, ABB90, ABB120. Same protocol was applied to the corresponding models 

obtained with ink not containing cells, which were labelled as AIB60, AIB90, AIB120, in the case 

of models crosslinked only with UV light after printing process and as AIB60Ca, AIB90Ca, 

AIB120Ca in the case of models crosslinked with both UV light and CaCl2 solution. In table 2, a 

summary of the bioinks/inks formulations and the 3D structures obtained after printing process with 

different crosslinking methods is reported. 

 

Table 2. Summary of AlgMa bioinks formulations and bioprinted models obtained with the dual-

crosslinking steps. 

Bioink Step 1: UV light Step 2: CaCl2 Bioprinted model  

ABA (0,2 % 

I2959) 

60 sec 5 min ABA60Ca 

90 sec 5 min ABA90Ca 

120 sec 5 min ABA120Ca 

ABB (0,25 % 

I2959) 

60 sec 
5 min ABB60Ca 

/ ABB60 

90 sec 
5 min ABB90Ca 

/ ABB90 

120 sec 5 min ABB120Ca 
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/ ABB120 

 

2.5.2. Gelatin, Collagen and IPN- based bioinks crosslinking 

 

After bioinks formulation and 3D bioprinting process a post-printing crosslinking process was carried 

out also on the GelMa, collagen and IPN-based 3D constructs, in order stabilize the structures and 

provide the suitable mechanical resistance during time in incubation condition (37 °C, 5 % of CO2). 

For these models, the post-printing crosslinking process involved the same procedure which include 

the use of only UV light at 3 cm of distance from the UV lamp center to the 3D bioprinted construct 

at 50 % of its intensity (corresponding at 12 mW/cm2) for 1 min. 

In particular, the constructs obtained from the printing of GelMa-based bioinks, containing both HSF 

(GBHSF) and HIF (GBHIF) cell types were labelled as UVGBHSF and UVGBHIF, respectively. Same 

protocol was applied to the corresponding models obtained with ink not containing cells, which were 

labelled as UVGI. Thanks to this photo-crosslinking process and the presence of Irgacure 2959, 

acrylates moieties can form covalent bond by forming permanent crosslinks between GelMa chains. 

The 3D bioprinted models composed by collagen-based bioinks comprising of both HSF (CBHSF) and 

HIF (CBHIF) cell types were directly crosslinked after printing process with the same condition used 

for GelMa-based ones. After this post printing photo-crosslinking, the collagen-based constructs 

containing HSF and HIF cells were labelled as UVCBHSF and UVCBHIF, respectively. Same protocol 

was applied to the corresponding models obtained with ink not containing cells, which were labelled 

as UVCI. In this case, photo-crosslinking process was carried out without the presence of the photo-

initiator, by exploiting the natural radical reaction of the collagen triggered by the UV light exposure. 

For what concern IPN-based 3D models, Irgacure 2959 was introduced in the semi-IPN bioink and, 

once the 3D construct is fabricated after the bioprinting process, the second photo-crosslinking 

process takes place thanks to the presence of the UV light (3 cm, 50 % of intensity, 1 min), which 

trigger the radical crosslinking of the GelMa hydrogel, in the presence of the already crosslinked 

collagen. In this way, an interpenetrated network of collagen and GelMa chains is produced. 

2.6. 3D cell culture 

Before the incubation, Caco-2 cells (400,000 cells/cm2 of 3D bioprinted model), were manually 

seeded onto collagen and IPN-based models with shape (A), while HCTs-8 cells were manually 

seeded onto GelMa, collagen and IPN-based models with shape (B) with and without HIF and HSF 

cells in the bottom layers (10,000 cells/cm2). The seeding of both cell lines, ensure the formation of 
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an intestinal epithelial monolayer in the outermost layer of the models, as schematically reported in 

the Figure 12 (a,b). 

Dulbecco’s Modified Eagle Medium (1X) (DMEM; Gibco) supplemented with 10% (v/v) of Fetal 

Bovine Serum (FBS; Gibco) and 1% (v/v) of penicillin/streptomycin (Gibco;10,000 U/mL) was used 

to grow both AlgMa-based platform with HeLa cell line, collagen and semi-IPN models with Caco-

2 seeded in the external layers. The culture media was changed every 2 days up to 72 h. 

Gibco Roswell Park Memorial Institute (RPMI 1640; Gibco) supplemented with 2mM Glutamine, 

1mM Sodium Pyruvate (NaP), 5% Horse Serum (HS; Gibco) + 5% Fetal Bovine Serum (FBS; Gibco) 

and 1% (v/v) of penicillin/streptomycin (Gibco;10,000 U/mL) was used to grow collagen, GelMa and 

blend-based models embedded with HIFs and HSFs seeded with HCTs-8 in the external layers. The 

culture media was changed every 2 days. All the 3D models obtained were incubated at 37 °C and 5 

% of CO2 up to 72 h for the AlgMa-based models, 72 h for the collagen, GelMa and IPN-based models 

with Caco-2 and 21 days for GelMa, collagen and IPN-based models containing HSFs or HIFs and 

HCTs-8. 

 

 
Figure 12. Schematical representation of (a) HCTs-8 cell seeding onto GelMa, collagen and IPN-based 3D 

models and (b) Caco-2 cell seeding onto collagen and IPN-based 3D models. 

 

 

2.7. Characterization methods 

 

2.7.1. Chemical characterization 
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In order to qualitatively assess the chemical substitution of the methacrylate groups onto the sodium 

alginate and gelatin backbone chains, proton nuclear magnetic resonance (1H-NMR) (NMR Varian 

model MR400, coupled with ATB PFG probe) and Fourier Transform infrared spectroscopy (FT-IR) 

(Bruker laser class model ALPHA, equipped with ATR accessory PLATINUM-ATR) were carried 

out by dissolving the lyophilized hydrogels in D2O, at a concentration of ca. 50 mg/mL, and by using 

directly the lyophilized product, respectively. 1H-NMR was carried out at 50 °C, in order to decrease 

the viscosity of the “gelly-like” solutions by ensuring the suitable resonance with the protons. 

Moreover, in order to quantitively evaluate the Degree of Functionalization (DoF) for the GelMa and 

AlgMa products, titration with Trinitrobenzenesulfonic acid (TNBSA) and Matrix-Assisted Laser 

Desorption/Iionization-Time of Flight coupled with mass spectroscopy (MALDI-MS) were 

performed, respectively. In particular, the titration was carried out through a calibration curve built 

by means of TNBSA/glycine reaction at different concertation, in which glycine acts as the standard 

representing the compound with 100 % of free amino groups when no reaction with TNBS occurs 

(corresponding to a hypothetically GelMa with free amino groups). When the reaction tale place, an 

orange-yellow product solution is formed, whose intensity increase by increasing the reducing the 

number of free amino groups not reacted which is detectable by using UV-vis spectroscopy. The 

quantitative determination of the number of amines contained within the GelMa can be accomplished 

through the comparison of the TNBSA/GelMa absorbance and the corresponding absorbance value 

obtained from the calibration curve. In the case of MALDI-MS analysis, AlgMa sample was firstly 

subjected to partial acidic hydrolysis using a sample of 2.0 wt% in an acid solution. The partial 

depolymerization was carried out in trifluoroacetic acid (TFA, 2 M) at a temperature of 90 °C, for 5 

h in order to obtain oligosaccharide chains easy to detect by MALDI-MS [232]. 5µL of hydrolyzed 

sample were added with 5µL of NH4OH solution (15%) and then added with 20µL of MALDI matrix. 

The best results were obtained using 2,5-Dihydroxybenzoic acid (DHB, 10 mg/mL; H2O/CH3CN, 

40:60, v:v; 0.1% TFA) as matrix. Dried droplets method was adopted combined with a fast-drying 

protocol [233-235]. Then, mass spectrometry analysis was performed on the 5800 MALDI-TOF 

analyzer (AB SCIEX, Darmstadt, Germany) equipped with an Nd:YLF laser (λ = 345 nm wavelength, 

<500 ps pulse length up to 1000 Hz repetition rate). The spectra were acquired in reflectron positive 

mode (HR), with a mass accuracy of 5 ppm and a mass range of 300−2500 Da. Each spectrum was 

recorded accumulating at least 5000 laser shots, with a laser pulse rate of 400 Hz. The sample was 

spotted three times and each spot is measured three times in order to collect nine data points. The 

spectra were handled using Data Explorer version 4.11 (AB Sciex) to perform theoretically calculated 

distribution and extract ICA (Isotope Cluster Area) for each ion peak. 
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2.7.2. Rheological characterization 

 

Rheological properties of GelMa, Collagen, IPN of collagen and GelMa were evaluated with Anton 

Paar MCR 102 rheometer. It consists of an electronically communicated (EC) permanent magnet 

synchronous motor-electronically commutated mounted on-air bearings and an optical encoder at 

high resolution. The optical encoder determines the shear stress and shear rate and allows the 

measurement and control of angular deflections up to 50 nanoradians. The motor is supported by two 

air bearings, this system minimizes friction and vibrations caused by physical contacts, improving 

the accuracy of the measurement. In both lower and upper units of the rheometer, Peltier temperature 

control element is placed to control the temperature during the measure, which can reach temperature 

ranging from -10 °C up to +200 °C. In addition, the measuring system is covered by a hood which 

acts as a trap to avoid solvent evaporation during the measure. Different measurement systems can 

be mounted inside the instrument. They consist of a fixed part connected to the lower unit of the 

rheometer and a moving part connected to the rotor through a quick coupling. The choice of the 

measurement system depends on the type of material to be tested and the type of test chosen. The 

most common geometries are the plate-plate and the plate-cone one, and the choice of the suitable 

geometry depends on the type of materials and the information to get, as described in detail below. 

The setup of the instruments and all the measurements were controlled by the Rheoplus software. 

 

Concerning AlgMa-based hydrogel, inks and 3D bioprinted constructs, amplitude sweep analysis, 

viscosity and recovery tests were evaluated in a plate−plate geometry with a diameter of 25 mm and 

a gap of 0.3 mm. Firstly, amplitude sweep analysis, viscosity and recovery tests were carried out on 

the Alg, AlgMa, both solubilized in PBS (1X), and on the AlgMa hydrogel not containing I2959 

(I2959 does not affect rheological properties, thus rheological measures are not shown), in order to 

evaluate how chemical modification and the presence of the CaCl2 pre-crosslinker solution can affect 

rheological parameter and hydrogel printability. All the measures were carried out at 25 °C in order 

to simulate the condition of the pre-printing and printing process. Amplitude sweep tests were carried 

out in a deformation range (ɣ) from 0.01 % to 1000 % by using an oscillation mode, by keeping 

constant the frequency at 1 Hz, in order to characterize G’ and G’’ moduli as a function of the applied 

strain (%) of the hydrogels and to have a quick evaluation of their printability. Viscosity tests and 

flow curves were carried out with a shear rate range (gamma punto) from 0.01 s−1 to 1000 s−1 by using 

a rotational mode, in order to assess hydrogels viscosity and shear thinning behaviour. Recovery tests 

were performed on both AlgMa solution and AlgMa hydrogel pre-crosslinked with CaCl2, in order 

to understand the ability of the materials to recover their mechanical properties, with and without the 
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presence of the cross-linker, after a high shear-rate, which simulates the shear experienced by the 

materials during the passage through the nozzle. In this case, low shear-rate (0,1 s-1), high shear-rate 

(3000 s-1) and again low shear-rate (0,1 s-1) were applied to the materials at 25 °C with the aim to 

simulate the transition of the materials through the nozzle (high shear), starting from a static situation 

inside the syringe (low shear), to a second static condition (recovery) represented by the materials 

deposited onto the printer bed (low shear). 

Furthermore, the same amplitude sweep analysis performed on Alg and AlgMa solutions and AlgMa 

hydrogel , were carried out also on the 3D bioprinted models with and without cells (diameter 5 mm, 

height 1 mm) after different crosslinking process and after 72 h of incubation, in a deformation range 

(ɣ) from 0.1 % to 1000 % at 37 °C, in order to simulate the incubation condition and to evaluate how 

the presence of the cells affect the rheological properties of the final 3D printed models. 

 

As regards GelMa, collagen and IPN-based hydrogel and 3D constructs, amplitude sweep analysis, 

viscosity, temperature sweep and recovery tests were evaluated in a plate-plate geometry with a 

diameter of 25 mm and a gap of 0.4 mm. Firstly, amplitude sweep analysis, viscosity and recovery 

tests were carried out on the GelMa, collagen and IPN-hydrogels formulations, whose preparation 

has been already described in the section 2.3. All the measures were carried out at 20 °C in order to 

simulate the condition of the pre-printing and printing process. Amplitude sweep tests were carried 

out in a deformation range (ɣ) from 0.01 % to 1000 % by using an oscillation mode and by keeping 

constant the frequency at 1 Hz, in order to characterize G’ and G’’ moduli as a function of the applied 

strain (%) of the hydrogels and to have a first evaluation of their printability. Viscosity tests and flow 

curves were carried out with a shear rate range (gamma punto) from 0.01 s−1 to 1000 s−1 by using a 

rotational mode, in order to assess hydrogels viscosity and shear thinning behavior. Recovery tests 

were performed in order to understand the ability of the materials to recover their mechanical 

properties after a high shear-rate, which simulates the shear experienced by the materials during the 

passage through the nozzle. In this case, low shear-rate (0,1 s-1), high shear-rate (3000 s-1) and low 

shear-rate (0,1 s-1) were applied to the materials at 20 °C with the aim to simulate the extrusion process 

through the nozzle (high shear), starting from a static situation inside the syringe (low shear), to a 

second static condition (recovery), represented by the materials deposited onto the printer bed (low 

shear). Moreover, the same amplitude sweep analysis performed on the hydrogels formulations were 

carried out also on the corresponding 3D bioprinted models without cells (diameter: 2.5 cm, height: 

0.4 mm) after the different crosslinking process customized for each formulations, in a deformation 

range (ɣ) ranging from 0.1 % to 1000 % at 37 °C, in order to simulate the incubation condition and 

to evaluate how the crosslinking processes affect the rheological properties of the final 3D bioprinted 
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models. Finally, temperature sweep analyses were carried out on both photo-crosslinked and not 

photo-crosslinked 3D bioprinted constructs with the aim to evaluate the mechanical stability in 

incubation environment during time by applying an angular frequency (ω) and a strain amplitude (ɣ) 

of 1 rad/s and of 0.1%, respectively, at 37 °C and for 20 min, to mimic the static conditions of the 

models inside the incubator. 

2.7.3. Thermal characterization 

 

In order to evaluate the thermal stability of the samples and the thermal transitions of the hydrogels, 

thermogravimetric analysis (TGA) and differential scanning calorimetric analysis (DSC) were carried 

out using a TGA Q500 (TA Instruments) and DSC Q2000 (TA Instruments) instruments. TGA 

analyses were performed on 7-10 mg samples, from RT to 600 °C, with a heating rate of 10 °C/min, 

under nitrogen atmosphere, while DSC analyses were performed on 3-5 mg samples by performing 

two heating scans (from -90 °C to 200 °C, 20 °C/min) separated by a controlled cooling ramp (from 

200 °C to -90 °C, 10 °C/min). 

 

2.8. Biological assays 

2.8.1. Materials 

 

Hoechst 33342, Propinium Iodide and Calcein-AM were purchased from Sigma-Aldrich. Pure (99,9 

%), high quality and anhydrous DMSO was used to reconstitute Live/Dead reagents and to prepare 

the corresponding stock solutions. Dilutions at the final working concentrations were performed in 

PBS (1X). Alamar blue TM cell viability reagent, Green cell tracker and red deep cell tracker were 

provided by Fisher Scientific. Monoclonal ZO-1 or ZO-1 (R40.76) AleaFluor 488 antibody (host: rat; 

target: mouse, human, rat) and E-cadherin or E-cad. (G-10) (host: mouse; target: mouse, human, rat) 

were purchased from Santa Cruz Biotechnology. AlexaFluor 594-conjugated AffiniPure anti-Mouse 

(host: goat; target: mouse) was provided by Jackson ImmunoResearch). Di-Sodium 4-nitrophenyl 

phosphate Hezahydrate reagent (Fluka), buffer pH 5.5 (sodium acetate anhydrous (PM:82.03 g/mol) 

0.1 M; acetic acid 10% (0,1 M); triton (100X); Milli-Q water), NaOH 3 M and HBSS (1X) were 

employed for the acid phosphatase assay. Paraformaldehyde PFA (Sigma-Aldrch) was prepared at a 

concentration of 4 % in PBS (1X), pH 7.4. PBS (1X) Ca/Mg was purchased from Gibco.   
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2.8.2. Live/dead assay 

 

Live/dead assay was performed to evaluate cell viability through confocal imaging from 1 h after the 

experiment up to 21 days. All the 3D cell cultures, excepted those ones with the Caco-2 cell line, 

have been treated by following the protocol below. 6 µl of 1 mM Calcein-AM (1mg/mL), 1 µl of 1,5 

mM PI (1 mg/mL,1:300 dilution), 2 µl of 10 mg/ml Hoechst 33342 reagent (1:1500 dilution) and 

2991 mL of PBS (1X) was used to prepare Live/Dead staining solution. Firstly, 3D cell cultures were 

washed three times with 1 ml of PBS (1X) before the staining. Then, 3D cell cultures were completely 

covered with 500 µl of Live/Dead solution and incubated at 37°C with 5% of CO2 for 30 min. Finally, 

the staining solution was removed and the 3D cell cultures were rinsed three times with warm 1 ml 

of PBS (1X). 

2.8.3. Cell proliferation 

 

Alamar blue test was carried out to estimate the cell proliferation activities after the 3D bioprinting 

process from 1h after the experiment up to 21 days. In particular, cell proliferation activities of 

collagen, GelMa and IPN-based cultures, with HIFs and HCTs-8, cell lines were evaluated by 

following this protocol. 1 mL of Alamar solution at 10 % w/v in RPMI-based complete cell culture 

media (used for the HCTs-8 cell line) was prepared and warmed at 37 °C, protected from the light, 

prior the use. 500 uL of the Alamar solution was introduced in the 24-multiwell to entirely cover the 

3D cell cultures. Then, the cultures were incubated for 4 hours at 37°C in a cell culture incubator, 

protected from direct light. 500 uL of each Alamar solutions were picked up and aliquoted in 100 uL 

inside a 96 multi-well, in order to have a good statistic and replica. Outputs were recorded by using 

an UV-vis spectrophotometer equipped with a 96-well plate reader and by setting the fluorescence 

excitation wavelength at 560 nm and the emission one at 590 nm. Finally, the absorbance was 

registered considering 600 nm as a reference wavelength (normalized to the 600-nm value). 

2.8.4. Immunofluorescence 

 

Immunofluorescence analyses were carried out on collagen and GelMa-based 3D cell cultures, 

displaying HCTs-8 epithelial monolayers, from 7 days to 21 days, in order to assess the presence of 

intermembranes proteins and tight-junctions, as typically found in the intestinal human tissue. All the 

samples were rinsed with pre-warmed PBS 1(1X) two times in order to remove any traces of cell 

culture medium. After this, the samples were fixed with PFA (paraformaldehyde at 4 % in PBS 1X 

pH 7.4) for 30 min at RT. Then, the samples were washed three times with PBS 1X Ca/Mg. Blocking 

Buffer (Triton) was added to each sample, that were incubated for 45 min at RT. The incubation with 
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the primary antibody was carried out by adding separately ZO-1 (1:50 dilution) and E-cad (1:100 

dilution) for each type of 3D cell culture. The samples were incubated in a humidified chamber 

overnight at 4 °C. Then, the secondary antibody incubation was performed after washing the sample 

for three times with PBS (1X) Ca/Mg by adding AlexaFluor 594 secondary antibody (1:150 dilution) 

to each sample, which were incubated for 60 min at RT in dark. Finally, in order to visualize the 

nuclei, a staining with Hoestch solution (1:1500 dilution) was performed for all the samples. 

2.8.5. Confocal Laser Scanning Microscopy  

 

Confocal laser scanning microscopy analysis was carried out on the 3D bioprinted samples placed in 

35 mm diameter glass bottom microwell dishes (Mattek). Samples stained for viability assay were 

observed using a Nikon A1R confocal laser scanning microscope employing two laser lines (489 nm 

and 561 nm) and two detection GASP channels (525/20 and 595/20nm) for the green and red false 

colour channels, employed to measure the fluorescence intensity of Calcein-AM and Propidium 

Iodide, respectively. Viability percentages were estimated with a semi-quantitative analysis using Fiji 

software: live cells (stained green by calcein-AM) and dead cells (stained red by propidium iodide) 

were manually counted and live cell fraction calculated by dividing the number of live cells by the 

total number of cells. 

 

2.8.6. Immunoistochemistry 

 

3D bioprinted samples, containing Caco-2 as epithelial monolayer, were treated to carry out 

histological analysis after 48 h of incubation. Cell culture media was aspirated and all the sample was 

washed three time with PBS (1X). Then, 2 mL of paraformaldehyde (PFA) at 4 % were add to each 

well containing sample. Two different fixation protocols were tested. In the first one, after 1 h of 

treatment in PFA, the samples experienced several dehydration steps in alcohol and xylol which 

included 5 minutes in alcohol 75 %, 5 minutes in alcohol 90 %, 3 minutes in alcohol 100 %, 3 minutes 

in alcohol 100 % and two passages in xylol of 3 minutes each one. In the second one, after 2 h of 

fixation in PFA, the samples experienced several dehydration steps in alcohol and xylol which include 

10 minutes in alcohol 75 %, 10 minutes in alcohol 90 %, 10 minutes in alcohol 100 %, 10 minutes in 

alcohol 100 % and two passages in xylol of 10 minutes each one. After fixation, all the samples were 

included in paraffin and 5 µm of thickness specimens were obtained by using the microtome. In order 

to stain the specimens with haematoxylin and eosin, paraffin was removed through three passages of 

3 minutes in xylol and, then, were rehydrated through three immersion in alcohol 100 % for 3 minutes, 
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one immersion in alcohol 95 % for 3 minutes and one immersion in alcohol 70 % for 3 minutes. 

Finally, the samples were immersed for 5 minutes in water. After rehydration, the samples were 

immersed in hematoxylin and eosin for 5 min, respectively. Before the analysis, the specimens were 

dehydrated again by following one passage in alcohol 70 % for 3 minutes, one passage in alcohol 95 

% for 3 minutes, three passages in alcohol 100 % for 3 minutes and three passages in xylol for 3 

minutes. Finally, samples were observed by using an optical microscope. 

 

2.8.7. Statistical analysis 

 

Cell counts are represented as mean ± standard deviation. Statistical analyses were performed using 

OriginPro 9.1 software. Statistical significance was determined by two sample t-test. Differences 

were considered to be statistically significant at p < 0.05. Different levels of statistical significance 

are indicated as follow: *, p < 0.05; **, p < 0.01; ***, p < 0.001; ****, p < 0.0001 
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3. Results and discussion 

3.1. Alginate and Gelatin methacrylation  

3.1.1. Alginate methacrylate  

 

Alginate is the most employed polysaccharide as hydrogel among the natural polymers for the 

fabrication of 3D tissue models through 3D bioprinting, since it is capable to retain high amount of 

water, it supports cell growth and cell proliferation, it displays high cell viability and it is able to 

undergone extrusion-based bioprinting process if used in the appropriate concentration. However, its 

well-known cross-linking process, based on instantaneous and uncontrollable ionic interactions 

which produce egg-box structures defined by hydrogen bonds between alginate chains, makes its 

mechanical properties not tunable in the desired range of stiffness and produces crosslinks in an 

heterogenous manner inside the polymer matrix even when the crosslinker is employed at low 

concentration. For this reason, photo-crosslinking process might be a valid alternative to overcome 

all the limitations related to the ionic cross-linking one, since it provides a progressive increment of 

the mechanical properties by simply changing the photo-initiator concentration, the UV time exposure 

and the UV light intensity. 

Alginate methacrylate was prepared by grafting the methacrylic group of the methacrylic anhydride 

(MAA) into the alginate backbone chains, as represented in the scheme reaction in Figure 13. 

Although this mechanism of reaction is well-known and widely reported in the literature to produce 

photocrosslinkable natural-based hydrogels, such as gelatine-methacrylate [156] collagen-

methacrylate [228] hyaluronic acid-methacrylate [230]  and chitosan-methacrylate [231], it is usually 

based on a laborious practice, which involve numerous pH adjustments during the whole reaction 

time, to maintain the suitable pH necessary to promote the substitution of the methacrylic group on 

the hydroxyl group of the alginate carboxylic functionalities [236]. Furthermore, the high molar 

excess of MAA usually required to achieve a good degree of substitution, makes this traditional 

approach not affordable and not easy to handle. 

In this work, an affordable alginate methacrylation process was accomplished by adapting for the first 

time the new gelatin methacryloyl synthesis proposed by Shirahama et al. [156] to the alginate 

polymer chains, in order to make the AlgMa production easier and more manageable and to reduce 

the excess of MAA used in the reaction. In particular, 2 % w/v of pristine alginate was dissolved in a 

basic aqueous carbonate buffer (CB) which serves as solvent capable of autonomously maintain pH 

around 8 during the whole reaction time, with the aim to encourage the deprotonation of the 

carboxylic group making them available for the substitution with the methacrylic moieties. 2 % w/v 
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was selected as the best concentration of alginate to obtain a low viscous solution which can be 

homogenously stirred at high rpm (600 rpm) to ensure a collision between the methacrylic anhydride 

and alginate chains. CB buffer at 0,325 of molarity (pH=9) was selected as aqueous solvent to carry 

out the reaction by considering its proven better buffering capacity [156] with respect to the common 

phosphate-based buffer solution, usually employed for the alginate methacrylation, which is not able 

to sustain pH around 8 and requires several pH adjustments with NaOH. Thanks to this enhanced 

buffer ability, a reduced molar excess of MAA was employed in this synthesis with respect to the 

molar excess normally used in the traditional AlgMa production, which usually ranging from 15 mL 

to 20 mL [236]. In fact, 1 mL of MAA per gram of alginate (1 mL of MAA/g of alginate) results as 

the suitable amount of anhydride to get an AlgMa product with a detectable and clear proton peak 

obtain through 1H-NMR analysis. In this condition, only one pH adjustment is needed after the 

solubilization of alginate powder in the CB buffer, in order to stabilize the pH between 8 and 9.  

Finally, two different reaction times were evaluated (24 h and 72 h) with the aim to understand which 

is the best reaction time duration, taking into account that in the traditional synthesis of AlgMa, 24 h 

and 72 h are usually reported as the optimized time to get methacrylation  [236]. 

 

 

Figure 13. Schematic steps of alginate methacrylation by grafting methacrylate groups into sodium 

alginate chain. 

 

Pristine alginate (Alg) and alginate methacrylate (AlgMa) were characterized by Proton Nuclear 

Magnetic Resonance (1H-NMR), Fourier Transform Infrared Spectroscopy (FT-IR) and Matrix 
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Assisted Laser Desorption Ionization - Time of Flight (MALDI-TOF) to assess the presence of 

methacrylate groups and the degree of substitution. 

 

1H-NMR spectra reported in Figure 14 (a,b,c) show the comparison between Alg and AlgMa after 24 

h (labelled AlgMa 24 h) and 72 h (labelled AlgMa 72 h) of methacrylation reaction. All the spectra 

display characteristic peaks between 3.50 and 5.20 ppm typical of the saccharide units of the alginate 

backbone chains [237]. In addition, both AlgMa spectra exhibit two distinctive signals of the vinyl in 

the region ranging from 6.5 ppm to 5.6 ppm and methyl hydrogens peaks of the methacrylate groups 

at ca. 2.00 ppm, which vary in location depending on the resulting chemical environment. In 

particular, the AlgMa spectrum obtained after 24 h of reaction time (Figure 14 b), shows the vinyl 

protons signals at 5.6 ppm (singlet) and 6.0 ppm (singlet) and the methyl hydrogens peak at 2.0 ppm 

(triplet), while the AlgMa obtained after 72 h of reaction time (Figure 14 c) shows more intense peaks 

shifted at 6.0 ppm (doublet) and 6.5 ppm (singlet) for the vinyl hydrogens and 2.23 ppm (triplet) for 

the methyl ones which integrate for three with respect to the vinyl protons. It is clear that the signals 

associated to the AlgMa 24 h are weaker and wider with respect to the AlgMa 72 h proton signals 

which display more intense and defined peaks. 

Furthermore, Figure 14 c highlights that the block of peaks associated to the saccharide units of the 

alginate backbone chain slightly shift at higher ppm values. This deshielding in the downfield region 

of the spectrum could be ascribable to the presence of the new formed ester group, directly linked 

with the vinyl functionalization, which has a moderately deactivation effect due to its withdrawing 

nature. Because the protons experience higher external magnetic field, they need a higher frequency 

to achieve resonance, and therefore, the chemical shift appears at higher frequency. 

Furthermore, 1H‐NMR could be useful to evaluate the degree of substitution (DS) on the alginate 

methacrylate backbone chains by integrating the peak of the protons of the mannuronic and guluronic 

units with respect to the proton peaks of the vinyl and methyl group of the methacrylate moieties 

[237]. However, an accurate quantification of the DS using only 1H‐NMR remains challenging. In 

particular, the peaks assignment and their consequent integration remains highly ambiguous due to 

the possible peak shifting, caused by the presence of the new introduced functionalities, and the high 

number of protons contained in the chains. Furthermore, the protons signal of the mannuronic and 

guluronic units are not fully separated, thus resulting in an overestimation or underestimation of the 

DS if the integration is not considered properly. 

  

Alg and AlgMa were also characterized by FT-IR spectroscopy to further verify the substitution after 

72 h of reaction time, which was selected through 1H-NMR as the best duration time to obtain the 
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methacrylation. As observed from Figure 14 (d,e), both spectra display wide bands in the region 

ranging from 3600 cm-1 to 3000 cm-1 and from 2980 cm-1 to 2850 cm-1, ascribable to the stretching 

of –OH and –CH groups, respectively, typically of the polysaccharides [238]. The others bands might 

be more representative of the alginate chains since the bands at ca. 1595 cm-1 can be assigned to the 

stretching of carboxylate anions –COO-  [238][239], the bands at ca. 1403 cm-1 can be assigned to the 

C–OH deformation along with the symmetric stretching of O–C–O of the carboxylate groups 

[239][240] while the bands at ca. 1083 cm-1 and at ca. 1026 cm-1 are related to the vibrations of C–O 

and C–C, respectively, of the pyranose rings [238]. Furthermore, all the bands at low frequency ca. 

946 cm-1, ca. 883 cm-1 and ca. 812 cm-1 might be assigned to to the C–O stretching of uronic acid 

[238], to the C1–H deformation of β-mannuronic acid [238], and to the C–H bending vibrations of 

mannuronic acid residues [241]. In addition to these bands, the spectrum related to the AlgMa product 

exhibits a more intense peaks at 2980 cm−1-2850 cm−1and the presence of a “shoulder” at 1711 cm−1 

(both highlighted with the red arrows in Figure 14 (e)), not observed in the pristine alginate spectrum 

(Figure 14 (d)). These marked bands along with the “shoulders” can be respectively assigned to the 

stretching of the –CH of the alkane and alkene bond contained in the methacrylate functionalization 

and to the stretching of the C=O group of the esters, both resulting from the grafting of the 

methacrylate units, as represented in the AlgMa chemical structure in Figure 14 (b,c). Furthermore, 

the broad band at ca. 3268 cm-1 (Figure 14 (e)) displays a more intense area with respect to the 

corresponding band in the pristine alginate spectrum (Figure 14 (d)), which might be ascribable to 

the increased number of –CH introduced with the methacrylic functionalization.  Accordingly, these 

bands provide evidence of the desired alginate functionalization with the methacrylic group, which 

might occur on the -OH functional group since the characteristic peaks of the COO- groups are still 

present after the reaction and the new band at 1711 cm-1 highlight the formation of ester bond. 

In order to better clarify whether and where the methacrylation occurs and to quantify the degree of 

substitution or DS (%) of the reaction, Matrix Assisted Laser Desorption Ionization - Time of Flight 

(MALDI-TOF) analysis was carried out. 

 

Figure 14 f shows a representative (+) MALDI-TOF-MS spectra of the products solution obtained 

from hydrolyzing AlgMa under acid and thermic conditions (90°C, 5h, TFA 2M). High intensity 

readings were observed for several peaks in the mass range 300-1500 Da leading to the identification 

of Hexuronic acid (Glucuronic/Mannuronic acid) chains from two to eight units, both methacrylated 

and underivatized. These results confirm that different oligosaccharides were formed during the 

experimental treatment. The spectrum complexity is due to the formation of a number of decomposed 

products under acid/hydrothermal conditions. Moreover, is possible observe even and odd species 
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that indicate the presence of protonated species and radical cation species. All the identified 

oligosaccharide chains are reported in table 3, while figure 14 g shows the theoretical distribution of 

the isotope cluster ions of an exemplificative signal. The composite signal (panel A, figure 14g) is 

derived from the overlapping of the isotope cluster ions of four different species of m/z 838, 840, 842 

and 844. The comparison of measured experimental isotopic distribution with the theoretically 

calculated distribution of the expected summary formula, suggest that the ion clusters result from the 

combination of four radical cation species generated as degradation products under the adopted 

experimental conditions. The same elaboration was performed for all signals in order to confirm 

identity of the observed ion species (table 3).  

 

 

 
Figure 14. 1H-NMR of pristine alginate (a), AlgMa after 24 h (b) and 72 h (c) of reaction time. FT-IR of 

pristine alginate (d) and AlgMa after 72 of reaction time (e). (+) MALDI MS of hydrolyzed AlgMa sample 

(f). (+) MALDI MS spectrum enlargement of AlgMa (A); (B) and (C) theoretical distribution of the isotope 

cluster ions (g). 
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Table 3. Mass spectrometry data of AlgMa products after hydrolysis, reported as observed m/z 

values, error in ppm and formula assignments; (Δ) -COC3H5 (methacrylation); Hexuronic acid: 

Glucuronic acid/Mannuronic acid. 

Observed mass (m/z) Error (ppm) Formula Structure 
371.08 5.0 [C12 H19 O13]+ Hexuronic acid2 

339.09 5.0 [C12H19O11]+ Hexuronic acid2 

353.07 7.0 [C12H17O12]+ Hexuronic acid2 

355.09 6.0 [C12H19O12]+ Hexuronic acid2 

407.12 4.5 [C16H23O12]+ Hexuronic acid2 + 

441.12 5.5 [C16H25O14]+ Hexuronic acid2 + 

493.16 7.0 [C20H29O14]+ Hexuronic acid2 +2 

509.15 6.0 [C20H29O15]+ Hexuronic acid2 +2 

    
547.12 5.8 [C18H27O19]+ Hexuronic acid3 

603.18 8.0 [C22H35O19]+ Hexuronic acid3 + 

617.16 5.7 [C22H33O20]+ Hexuronic acid3 + 

685.18 5.0 [C26H37O21]+ Hexuronic acid3 +2 

703.21 6.3 [C30H39O19]+ Hexuronic acid3 +3 

719.20 5.7 [C30H39O20]+ Hexuronic acid3 +3 

753.22 7.0 [C30H41O22]+ Hexuronic acid3 +3 

    

723.14 6.1 [C24H35O25]+ Hexuronic acid4 

756.16 6.0 [C28H36O24]•+ Hexuronic acid4 + 

758.17 6.0 [C28H38O24]•+ Hexuronic acid4 + 

760.19 5.5 [C28H40O24]•+ Hexuronic acid4 + 

770.14 5.5 [C28H34O25]•+ Hexuronic acid4 + 

772.15 4.9 [C28H36O25]•+ Hexuronic acid4 + 
774.18 7.2 [C28H38O25]•+ Hexuronic acid4 + 
776.20 7.1 [C28H40O25]•+ Hexuronic acid4 + 

784.12 6.0 [C28H32O26]•+ Hexuronic acid4 + 
786.13 6.0 [C28H34O26]•+ Hexuronic acid4 + 

788.15 5.0 [C28H36O26]•+ Hexuronic acid4 + 

790.16 5.6 [C28H38O26]•+ Hexuronic acid4 + 

796.20 7.1 [C31H40O24]•+ Hexuronic acid4 +2 

798.21 5.0 [C31H42O24]•+ Hexuronic acid4 +2 

800.22 6.0 [C31H44O24]•+ Hexuronic acid4 +2 

802.24 5.3 [C31H46O24]•+ Hexuronic acid4 +2 

812.19 5.0 [C31H40O25]•+ Hexuronic acid4 +2 

814.20 4.5 [C31H42O25]•+ Hexuronic acid4 +2 

816.22 5.5 [C31H44O25]•+ Hexuronic acid4 +2 

826.20 6.0 [C32H42O25]•+ Hexuronic acid4 +2 

828.23 7.0 [C32H44O25]•+ Hexuronic acid4 +2 

830.23 5.0 [C32H46O25]•+ Hexuronic acid4 +2 

838.16 5.7 [C32H38O26]•+ Hexuronic acid4 +2 

840.19 6.0 [C32H40O26]•+ Hexuronic acid4 +2 

842.21 7.1 [C32H42O26]•+ Hexuronic acid4 +2 

844.22 8.0 [C32H44O26]•+ Hexuronic acid4 +2 

852.14 5.7 [C32H36O27]•+ Hexuronic acid4 +2 

854.17 6.3 [C32H38O27]•+ Hexuronic acid4 +2 

856.19 6.1 [C32H40O27]•+ Hexuronic acid4 +2 

858.20 6.0 [C32H42O27]•+ Hexuronic acid4 +2 
906.20 6.0 [C36H42O27]•+ Hexuronic acid4 +3 



Results and Discussion 

68 
 

908.21 5.5 [C36H44O27]•+ Hexuronic acid4 +3 

910.23 5.6 [C36H46O27]•+ Hexuronic acid4 +3 

912.24 4.9 [C36H48O27]•+ Hexuronic acid4 +3 

914.26 7.2 [C36H50O27]•+ Hexuronic acid4 +3 

924.20 5.0 [C36H44O28]•+ Hexuronic acid4 +3 

926.22 5.1 [C36H46O28]•+ Hexuronic acid4 +3 

928.24 6.0 [C36H48O28]•+ Hexuronic acid4 +3 

    

899.17 4.3 [C30H43O31]+ Hexuronic acid5 

864.16 5.6 [C30H40O29]•+ Hexuronic acid5  
866.19 7.1 [C30H42O29]•+ Hexuronic acid5  

868.21 5.9 [C30H44O29]•+ Hexuronic acid5  

870.22 7.2 [C30H46O29]•+ Hexuronic acid5  

872.24 6.0 [C30H48O29]•+ Hexuronic acid5  

878.14 5.1 [C30H38O30]•+ Hexuronic acid5  

880.17 6.0 [C30H40O30]•+ Hexuronic acid5  
882.18 4.3 [C30H42O30]•+ Hexuronic acid5  

884.19 5.6 [C30H44O30]•+ Hexuronic acid5  

886.22 7.1 [C30H46O30]•+ Hexuronic acid5  

    

1075.21 8.0 [C36H51O37]+ Hexuronic acid6 

1209.26 8.2 [C44H57O39]+ Hexuronic acid6 +2 
1284.34 7.5 [C48H68O40]•+ Hexuronic acid6 +3 
1359.42 7.2 [C52H79O41]+ Hexuronic acid6+4 

    

1427.27 6.0 [C48H67O49]+ Hexuronic acid8 
    

 

 

Matrix-assisted laser desorption ionization mass spectrometry (MALDI-MS) has usually been 

considered for the analysis of carbohydrates. It can be successfully used to perform advanced 

structural investigation of complex polysaccharides and natural complex molecules, developing 

adequate experimental conditions [242-244]. MALDI-MS major advantages include high sensitivity 

and accuracy, applicability to a dynamic mass range [245] fast generation of results [246] and little 

or no fragmentation of the analytes. However, literature data reports MALDI analysis of 

carbohydrates is affected by salts, so that oligo- and polysaccharides often give rise to MALDI spectra 

of poor quality in the presence of contaminating salts [232,247]. In these experiments, the choice to 

perform partial hydrolysis of polysaccharides by acid and thermic conditions ensure the removal of 

sodium, as confirmed by high resolution mass measurements (table 3). Moreover, ammonium 

hydroxide solution was used to favour the formation of carboxylate/ammonium ion pairs, thus 

promote the desorption of oligosaccharides in MALDI MS experiments [248]. The experiments were 

planned in order to determine the methacrylation degree of the alginate (AlgMa) and spectra were 

handled using Data Explorer version 4.11 (AB Sciex). All signals of interest were detected as singly 

charged cation adduct or radical cation, and were used for data analysis. The degree of methacrylation 
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(MD%) was calculated as percentage ratio between derivatized oligomers vis total oligomers. 

Therefore, (MD%) was determined as average of three different experiments performed in triplicate 

(nine data points) and calculated as (MD%)=[ΣICAM/ΣICA] *100, where ICAM are the isotope cluster 

areas of only ion signals of methacrylated species (table 4) and ICA are isotope cluster areas of all 

identified oligosaccharides species. (MD%) calculated was 63.4 ± 3.2. 

Table 4. Isotope cluster area (ICA) of all identified species are reported. Three set of experiments (1, 

2, 3) were performed. The listed ICA values are calculated as media from three consecutive 

acquisitions, in order to obtain a total of 9 subset data. In black are reported the oligosaccharides 

chains with no derivatization sites, in red are reported methacrylated species. 

 1 2 3 

Observed (m/z) ICA  ICA ICA 

339.09 100663.7 189102.5 226460.7 

353.07 113900.4 106517.5 141293.1 

355.09 252417.8 169726.3 206883.1 

371.08 233331.1 165196.7 233408.6 

407.12 93049.0 107333.8 91277.5 

441.12 208892.6 170514.3 393901.9 

493.16 44751.0 42209.8 87516.0 

509.15 12283.0 13228.4 29695.9 

547.12 65984.4 43626.6 50261.5 

603.18 37072.6 32687.0 46770.4 

617.16 15552.1 6474.2 26693.8 

685.18 21694.3 21486.8 38624.6 

703.21 72892.7 48356.2 86437.2 

719.20 29531.0 16025.6 32745.9 

723.14 4821.6 3449.0 3528.0 

753.22 10883.0 4031.4 4213.5 

756.16 13470.5 9399.8 15550.4 

758.17 23191.7 11464.4 26539.4 

760.19 25181.2 14430.2 23780.2 

770.14 19105.0 12010.6 19778.9 

772.15 38201.5 25629.0 43505.2 

774.18 28048.2 20738.0 33132.2 

776.20 9166.3 5072.1 5351.9 

784.12 19005.4 12605.7 22092.7 

786.13 39395.7 26348.5 41325.6 

788.15 34343.9 22897.5 42779.1 

790.16 15481.3 11303.4 9516.7 

796.20 15567.2 8677.0 17946.5 

798.21 39132.4 33379.9 47264.3 

800.22 66395.1 47332.3 76686.6 

802.24 40989.8 27666.7 49429.7 

812.19 35587.5 22448.1 43324.2 

814.20 57817.3 43087.9 66495.1 



Results and Discussion 

70 
 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

 

816.22 42240.2 28973.0 52247.2 

826.20 64070.3 46933.7 83361.4 

828.23 70726.1 54696.5 84982.5 

830.23 39595.3 28972.3 48588.3 

838.16 11631.8 10461.0 16842.9 

840.19 38195.3 25191.9 40558.9 

842.21 50207.0 33149.4 49625.6 

844.22 28572.5 20474.1 31849.2 

852.14 27912.9 16100.6 29160.1 

854.17 51601.1 33108.4 58315.9 

856.19 37175.3 27464.8 45381.6 

858.20 18045.7 10290.9 17363.3 

864.16 3557.4 1705.7 2783.3 

866.19 12136.6 7233.6 11353.5 

868.21 16930.3 14585.7 22188.2 

870.22 22118.8 14651.3 21759.8 

872.24 11291.5 8303.2 9653.6 

878.14 8669.2 6093.8 7717.9 

880.17 17297.4 9036.9 18124.8 

882.18 28955.5 17305.7 30367.3 

884.19 17388.3 11255.4 18712.5 

886.22 10599.5 5365.2 9911.5 

899.17 7141.0 1607.0 2309.4 

906.20 4836.3 2867.8 5360.1 

908.21 8385.3 5470.8 7984.2 

910.23 6526.8 4863.0 9536.1 

912.24 10817.6 6828.9 10106.4 

914.26 9350.9 4712.0 12423.4 

924.20 5411.9 2689.9 6073.1 

926.22 9824.6 4994.3 8697.4 

928.24 7242.2 2893.5 7944.9 

1075.21 519.3 746.0 2826.2 

1209.26 2024.2 1433.5 7225.0 

1284.34 2462.6 1739.8 9076.7 

1359.42 1137.4 410.5 1022.9 

1427.27 376.9 262.6 670.6 

 
Σ (ICA 1) Σ (ICA 2) Σ (ICA 3) 

2542776.0 1967331.7 3086318.7 

 
Σ (ICAM 1) Σ (ICAM 2)  Σ (ICAM 3) 

1603791.4 1187527.7 2061888.6 

    

 
∑  𝐼𝐶𝐴𝑀1

∑ ICA1
∗ 100 

∑  𝐼𝐶𝐴𝑀2

∑ ICA2
∗ 100 

∑  𝐼𝐶𝐴𝑀3

∑ ICA3
∗ 100 

    

 
 

63.07 
 

60.36 
 

66.81 

  AVERAGE 63.41 

  Standard Deviation 3.24 
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Thermal behaviour of the alginate, AlgMa, photo-crosslinked AlgMa and Irgacure 2959 (the 

photoinitiator used to trigger the photo-crosslinking process in the presence of UV light) was evaluate 

by thermogravimetric analyses, in order to verify (i) whether the methacrylation reaction affects the 

polymer’s thermal stability and (ii) how the photo-crosslinking process influences the thermal 

stability with respect to the corresponding uncrosslinked polymer. All the measurements were carried 

out in inert environment, under nitrogen gas flow. Alginate was evaluated by directly weighting the 

pristine gelatine supplied by Carlo Erba, while GelMa and crosslinked GelMa (GelMa after UV) were 

both analysed by weighting the lyophilized form after the synthesis and after the photo-crosslinking 

process (1 min of UV light, 50 % of intensity, 3 cm of distance), respectively. As shown from Figure 

15, Irgacure 2959 (I2959), represented by the green curve, displays one weight loss showing a weight 

residue of 8 % at 600 °C and a maximum degradation rate at 261 °C (degradation temperature). 

Alginate (Alg), represented in Figure 15 by the pink curve, shows a rapid decrease of the weight 

starting from low temperature up to 100 °C, which is ascribable to the loss of water from the 

hygroscopic sample. Then, at 240 °C (degradation temperature), it displays the highest rate of 

degradation until to reach the 32 % of weight residue at 600 °C. Both AlgMa and cross-linked AlgMa 

(AlgMa after UV), represented in Figure 15 by the blue and red thermograms, respectively, show a 

rapid weight decrease at low temperature, similarly to what observed for the alginate sample, 

suggesting, even in this case, the evaporation of the water which could be still entrapped in the 

AlgMa-based polymers structure after the lyophilization process. Furthermore, AlgMa sample 

displays the maximum degradation rate at 239 °C and a weight residue of 34 % at 600 °C while cross-

linked AlgMa (photo-crosslinked with UV light 1 min, 50 % of light intensity, 3 cm of distance in 

the presence of Irgacure 2959 as photo-initiator) reaches the maximum degradation rate at 241 °C 

and shows a weight residue of 30 % at 600 °C. However, the presence of cross-links formed between 

the acrylate moieties after the UV photo-crosslinking are not detectable in the case of alginate by 

TGA analysis thus, as a general consideration, it is possible to assess that (i) all the thermograms are 

characterized by one single step of weight change, suggesting that the degradation processes of the 

polymers are based on one single degradation kinetic, (ii) the chemical methacrylation does not 

significantly affect the thermal stability of the GelMa polymer and (iii) the effect of the photo-

crosslinking process on the AlgMa polymer are not detectable with this characterization technique. 
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Figure 15. Thermogravimetric analyses of photo-initiator Irgacure 2959 (green solid line), unmodified 

alginate (Alg; pink broken double dash line), modified Alginate (AlgMa; blue short dash line) and cross-

linked AlgMa (AlgMa after UV; red dash dot line). 
 

 

3.1.2. Gelatin methacrylate 

 

Similarly to the alginate and alginate-methacrylate, gelatin is one of the most used hydrogel for 3D 

bioprinting application thanks to its biocompatibility, ability to support cell growth and proliferation, 

transparency, printability and ability to preserve complex 3D bioprinted structures at low temperature 

(e.g. ranging from 20 °C to 25 °C). However, due to its high thermo-responsiveness, which makes it 

liquid over 32 °C and “gelly” below 32 °C, it cannot be used as such to reproduce ECM-like structure 

for 3D in vitro models fabrication because, at incubation conditions (37 °C), it losts all the mechanical 

properties and ability to support cell growth and proliferation. For this reason, photo-crosslinkable 

gelatine methacrylate might be a good alternative to overcome these limitations, because the 

methacrylate moieties, branched to the gelatin backbone chains, forms covalent crosslinks when 

irradiated with UV light in the presence of photo-initiator, which triggers the crosslinking process 

based on a radical reaction. In this way, once the photo-crosslinking process occurs, the hydrogel is 

able to maintain the imparted shape, stiffness and complexity even at 37 °C (incubation conditions). 

In this Thesis, gelatin methacrylate was obtained through a methacrylation reaction between the 

hydroxyl groups and primary amino groups of the biopolymer chains, and the methacrylate anhydride 

(MAA), under suitable conditions of pH, temperature, and initial concentration of reagents, as 

reported in Figure 16. The traditional preparation method of GelMa was originally developed by Van 

Den Bulcke et al. [249], in which, an important excess of MAA (> 10 mL/g of gelatin) reacted with 

the primary amino groups and hydroxyl groups of the gelatin dissolved in phosphate buffer (pH = 8) 
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solution at 50°C for at least 2 days.  However, because of the poor buffer capacity of the phosphate 

solution, this approach involved laborious lab practice and several pH adjustments by using 

concentrated NaOH (5 M) in order to maintain the pH over the gelatin isoelectric point (which is 

around 8) and to make the gelatin amino groups available for the substitution. For this reason, over 

the years, the synthesis of GelMa has been optimized in order to reduce the complexity and the time 

of the synthesis by changing the formulation of the buffer solution to increase its buffer capacity. 

Carbonate Bicarbonate (CB) buffer 0,25 M pH = 9 was selected as the best solvent to carry out the 

reaction since it has demonstrated to autonomously sustain the pH over the gelatin isoelectric point 

thus increasing the reaction efficiency in a short period of time. In particular, the use if CB buffer 

reduces the reaction time from 3 days to 1 hour and the excess of MAA from 10 mL/ g of gelatin to 

1 mL/g of gelatin. Moreover, 10 % w/v of gelatin was selected as the best concentration to start the 

reaction because it ensures the suitable collision between gelatin chains and MAA monomers that 

lead to the desired substitution of the MAA to the amino groups by following the schematic reaction 

represented in Figure 16. For this reason, by changing the buffer solution it is possible to reach better 

degree of substitution by using a reduced amount of MAA and decreasing of two order of magnitude 

the reaction time. 

 

 
Figure 16. Schematic representation of GelMa synthesis. 

 

 

 

The conjugation of methacryloyl groups to gelatin chains was confirmed by 1H-NMR. Samples of 

GelMA and gelatin were dissolved in deuterium oxide (D2O) at a concentration of 40 mg/1 mL. The 

spectra were collected at 50 °C, to avoid gel formation of gelatin and GelMa, as explained in the 

experimental section. The direct comparison between the GelMa (Figure 17a) and pristine gelatin 1H-

NMR spectra (GelMa spectrum not shown, spectrum provided from the literature [156], reveals the 

appearance of two proton signals at δ = 5.25 and δ =5.48 ppm, which are related to the proton of 

methylene groups of the methacrylic unit, as well as a peak at δ = 1.8 ppm, due to the methyl group 

of the same functional unit. This result confirms the efficiency of the functionalization. Furthermore, 

the decrease of the signal at δ = 3.02 ppm, which is referred to the methylene lysine protons, indicates 
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the conjugation of the lysine group with the MAA. However, it is worth pointing out that the 

evaluation of the degree of substitution (DS) cannot be evaluated through this analysis due to the 

presence of a high numbers of proton which makes the peak integration laborious. For this reason, 

the DS was evaluated through a titration with TNBS (2,4,6-Trinitrobenzenesulfonic acid), which is a 

colorimetric analysis in which the molecule links free amino groups of the gelatin backbone chains, 

as explained in the next section. 

2,4,6-Trinitrobenzenesulfonic acid or TNBS is a rapid and sensitive assay reagent for the 

determination of free amino groups and it can be employed to quantitatively assess the degree of 

substitution of the gelatin amino groups with the acrylate moieties, using the procedure described in 

the experimental section. Briefly, primary amines, upon reaction with TNBS, form a highly 

chromogenic derivative (yellow-coloured), which absorbance can be measured at 335 nm. 

Firstly, a standard calibration curve with glycine (standard model) was built by registering the 

absorbance values of the solutions containing several concentrations of glycine (0, 8, 20, 32, 70 

µL/mL) reacted with the same concentration of TNBS 0.01% (w/v). Each absorbance value (Table 

5) was reported in a graph against glycine concentration (µL/mL), as represented in Figure 17 b. 

Then, modified gelatin (GelMa) DS was obtained by detecting the absorbance values of pristine 

gelatin and GelMa after the reaction with TNBS and by using the following equations (equation 1 

and 2): 

 

  

moles amino groups

g (gelatin or GelMA)
=  

2x Abs (gelatin or GelMa) x 0.0075 

1.46 x 104 x 1x 0.0158
                                  equation (1) 

 

where:  

• Abs (gelatin or GelMa): is the absorbance value of the solution obtained after the reaction 

with gelatin and TNBS or GelMa and TNBS; 

• 0.0075: is the volume of the solution; 

• 1.46 x 104: is the molar absorptivity of the TNBS; 

• 1: cell path length in cm; 

• 0.0158: sample weight in grams. 

 

𝐷𝑆 =  
𝑀 𝑔𝑒𝑙𝑎𝑡𝑖𝑛−𝑀 𝐺𝑒𝑙𝑀𝑎

M gelatin
                                                                    equation (2) 

 

where:  

• 
𝑚𝑜𝑙𝑒𝑠 𝑎𝑚𝑖𝑛𝑜 𝑔𝑟𝑜𝑢𝑝𝑠

𝑔 (𝑔𝑒𝑙𝑎𝑡𝑖𝑛)
 = M gelatin; 

• 
𝑚𝑜𝑙𝑒𝑠 𝑎𝑚𝑖𝑛𝑜 𝑔𝑟𝑜𝑢𝑝𝑠

𝑔 (𝐺𝑒𝑙𝑀𝐴)
 = M GelMa. 
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Finally, the DS of GelMa obtained from the methacrylation reaction and detected through the TNBS 

titration results to be 80 %. 

 

 

Table 5. Absorbance values of glycine standard molecule at different concentrations, pristine gelatine 

and modified gelatine after reaction with TNBS. 

 [NH2] Abs 1 Abs 2 Abs 3 ABS*  DVS** 

G
ly

ci
n
e
 

0 0.295 0.2384 0.1808 0.24 0.06 

8 0.5947 0.6892 0.5835 0.62 0.06 

20 0.9045 1.0988 0.9196 0.97 0.11 

32 0.9226 0.9984 0.992 1.04 0.04 

70 1.1801 1.2955 1.216 1.16 0.06 

 Gel 1.025 1.001 1.036 1.02 0.02 

 GelMa 0.291 0.1887 0.2768 0.25 0.06 

*average value 
**standard deviation  

 

Pristine gelatin (Gel), gelatin methacrylate (GelMa) and photo-crosslinked gelatin methacrylate (p-

GelMa) were characterized by FT-IR spectroscopy to (i) further verify the substitution after the 

methacrylation and (ii) and to evaluate the crosslinking reaction between acrylate moieties in the 

presence of photo-initiator and after UV irradiation. As observed from Figure 17 c, all the spectra 

display the characteristic peaks of gelatin polymer. The typical absorption band around 3340 cm-1 is 

attributed to the O–H and N–H stretching vibrations. The peaks in the region 2800 cm-1 - 3100 cm-1 

are ascribed to the stretching vibration of C–H groups. The backbone structure of gelatin is associated 

in both spectra with the absorption bands at around 1650 cm-1 (C–O stretching, amide I), 1540 cm-1 

(N–H bending coupled to C–H stretching, amide II), and 1250 cm-1 (C–N stretching and N–H 

bending, amide III). Regarding the GelMa spectrum, it is noteworthy that the typical peak at around 

1640 cm-1 corresponds to the C–C stretching of the methacrylate groups, is too close to the amide I 

C–O stretching peak, therefore, it is difficult to detect and to verify its disappearance after the photo-

crosslinking process.  
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Thermal behaviour of the gelatin, GelMa, photo-crosslinked GelMa and Irgacure 2959 was evaluated 

by thermogravimetric analysis, in order to verify (i) whether the methacrylation reaction affects the 

polymer’s thermal stability and (ii) how the photo-crosslinking process influences the thermal 

stability with respect to the corresponding uncrosslinked polymer. All the measurements were carried 

out in inert environment, under nitrogen gas flow. As described for the alginate-based polymers, 

Gelatin was evaluated by directly weighting the pristine gelatine supplied Sigma Aldrich, while 

GelMa and crosslinkined GelMa were both analysed by weighting the lyophilized form after the 

synthesis and after the photo-crosslinking process (1 min of UV light, 50 % of intensity, 3 cm of 

distance), respectively. As shown from Figure 17 d, Irgacure 2959 (I2959), represented by the red 

curve, displays one weight loss showing a weight residue of 8 % at 600 °C and a maximum 

degradation rate at 261 °C (degradation temperature). Pristine gelatin (Gel), represented in Figure 17 

d by the pink curve, shows a rapid decrease of the weight starting from the lowest temperature up to 

100 °C, which is ascribable to the loss of water from the hygroscopic sample. Then, at 329 °C 

(degradation temperature), gelatin displays the highest rate of degradation until to reach the 22 % of 

weight residue at 600 °C. After methacrylation, gelatin metharylate (GelMa) product was obtained 

and the lyophilized product undergone the same thermogravimetric scan of the other polymer, 

resulting in the blue curve reported in Figure 17 d. As observed from the thermogram, GelMa (blue 

curve) shows a rapid weight decrease at low temperature, similarly to what observed for the gelatin 

sample, suggesting, even in this case, the evaporation of the water which could be still entrapped in 

the GelMa structure after the lyophilization process. Furthermore, GelMa sample displays the 

maximum degradation rate at 311 °C and a weight residue of 24 % at 600 °C. Finally, cross-linked 

GelMa (GelMa after UV) reported in Figure 17 d with the green curve, shows the same thermogram 

of the uncrosslinked GelMa (blue curve) in which the initial temperature of the degradation process 

and then maximum degradation temperature are shifted at higher temperature (321 °C), meaning that 

the cross-links formed between the acrylate moieties after the UV photo-crosslinking slightly increase 

the thermal stability of the polymer. As a general observation, (i) all the thermograms are 

characterized by one single step of weight change, suggesting that the degradation processes of the 

polymers are based on one single degradation kinetic, (ii) the chemical methacrylation does not 

significantly affect the thermal stability of the GelMa polymer and (iii) the photo-crosslinking process 

slightly induce an increase of the thermal stability. 
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Figure 17. (a) 1H-NMR of gelatin after methacrylation registrered at 50 °C. (b) Calibration curve obtained by 

reacting glycine and TNBSA. (8) FT-IR spectra of pristine gelatin (black curve), GelMa (blue curve) and p-

GelMa (red curve). (d)Thermogravimetric analyses of photo-initiator Irgacure 2959 (red dash dot red line), 

unmodified gelatin (Gel; pink broken double dash line), modified gelatine (GelMa; blue short dash line) and 

cross-linked GelMa (GelMa after UV; green solid line). 

 

3.1.3. Collagen 

 

Collagen formulation was directly provided by the company Typeone Biomaterials s.r.l. (Lecce, Italy) 

ready-to-use, in a sterile condition and with a neutral pH. 

In brief, as already mentioned in the introduction section, collagen is the most abundant protein of 

the ECM and play a key role in the cell pathway. The fabrication of 3D models through 3D bioprinting 

which are made by pure collagen hydrogel has gained great attention in order to simulate and replicate 

the main physiological constituent of the tissue [250]. However, the development and the use of plain 

collagen hydrogel is still challenging since collagen has poor mechanical properties, needed to 

provide mechanical stability during time. Furthermore, its uncontrollable gelation reflects in poorly 

controllable mechanical properties making it not suitable for the replication of a wide range of tissues 

stiffness. Most of the time, in order to overcome this limitation, collagen is used in blend with other 

synthetic or natural polymers which act as supporting materials and confer mechanical stability to the 

models but, at the same time, reduce the native-like composition of the matrix [250]. In addition, the 
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latest plain collagen hydrogel formulations, display tricky and complex manual neutralization process 

to carry out before the bioprinting that reduce the reliability and reproducibility of the collagen 

batches, since the collagen hydrogel preparation involves the use of strong acid solvent which can 

affect its printability and cell viability, if any traces remain in the syringe [250].  

For this reason, in order to produce collagen-based 3D in vitro model by overcoming the limitations 

related to the current collagen formulation, a printable plain collagen hydrogel with controlled 

gelation reaction was developed in cooperation with Typeone Biomaterials s.r.l. The chemical 

composition, characterization and process production of the collagen were optimized and developed 

by the company.  

 

3.2. Evaluation of 3D printability through rheological characterization 

 

3.2.1. Hydrogels and bioinks formulation 

 

AlgMa, GelMa, collagen and collagen/gelatin IPN were employed to produce hydrogels and the 

corresponding bioinks containing cells for the fabrication of 3D bioprinted tissue models. Hydrogels 

and bioinks formulations were optimized with the aim to obtain printable materials (through 

extrusion-based mechanism) able to undergone the bioprinting process by maintaining, at the same 

time, the suitable mechanical properties after printing and to support cell growth from a biological 

side. In particular, when bioinks or hydrogels have to be prepared for the fabrication of 3D structures, 

it is fundamental to consider which steps they have to experience in order to prepare the suitable 

formulation able to withstand all the requirements. During a bioprinting process, the hydrogel or 

bioink is initially contained inside a syringe in which it is in a “rest” state, then it undergoes a 

transition to a high shear condition while passing through the nozzle, and finally it reaches a new 

“rest” state when it is deposited onto the bioprinter bed, which must preserve the designed shape and 

structure without collapse during the time (Figure 18 a). Basically, it is possible to resume that the 

materials experienced three different forces or shear during the whole process: (i) static force, (ii) 

high shear rate or high force and (iii) static force again, in which polymer chains has to reform all the 

physical entaglements in order to provide mechanical stability (Figure 18 b). To be able to address 

this, a material must display several mechanical and rheological requirements which can be evaluated 

and predicted before the bioprinting through a rheological characterization such as, for instance, 

characterization of storage (G’) and loss (G’’) moduli and viscosity function. In this way, it is possible 

to optimize the formulation of the hydrogels or bioinks as a function of its printability, ability to 
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recover its initial mechanical properties and behaviour in static condition, by avoiding waste of time 

with laborious “trials and errors” using the bioprinter. 

More in detail, in the first step, before the printing process, the elastic modulus (G’) must be higher 

than the loss one (G’’); in the second step, represented by the bioink flowing through the nozzle, the 

material must display a shear thinning behaviour, in which the macromolecular chains change their 

organization flowing under the applied shear (viscosity decreases with the increase of the shear rate); 

in the last stage, after the bioprinting process, the hydrogel must be able to retains its initial shape, 

thus the macromolecular chains should rapidly reform internal interactions in order to recover the 

initial mechanical properties and maintain the shape of the filament once deposited onto the bed 

(shape-fidelity property), as reported in the schematic representation below (Figure 18 b).  

In this section, the hydrogels and bioinks formulation will be discussed in correlation with their 

rheological properties and printability behaviour.  

 

 
 

Figure 18. Schematic representation of (a) bioprinting steps before, during and after the extrusion; (b) 

schematic representation of the chains conformation (i) before, (ii) during and (iii)after the bioprinting process. 

 

 

3.2.2. Alginate methacrylate-based hydrogel and bioink 

 

AlgMa 72 h was selected as the best modified product to produce AlgMa-based hydrogels and 

bioinks, thanks to the proven substitution obtained through our affordable synthesis approach, as 

demonstrated by the chemical characterization previously described. The bioinks formulation used 

for the production of the final living 3D tissue models, involves different preparation stages which 

start from the development of (i) the alginate solution, (ii) follow with the actual hydrogel and ink, 

which in some cases can have the same composition, and ends (iii) with the final bionks form that 

contain ink intimately mixed with cells. 
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The first step regards the formulation of the pre-starting ink, which basically consists in the 

formulation of a biocompatible and photo-crosslinkable hydrogel with tunable mechanical properties 

able to undergone the 3D bioprinting process. To achieve this, AlgMa solution was first prepared 

prior to hydrogel formation by dissolving purified and lyophilized AlgMa in a phosphate-based buffer 

solution (pH = 7.4), in order to provide the suitable osmotic concentration to the cells once embedded 

in the final bioink and to avoid cell dehydration along with cell membrane breakage. Several 

concentrations of AlgMa, such as 2 % w/v, 3 % w/v, 4 % w/v and 10 % w/v, have been tested before 

the selection of the final one. In particular, lower AlgMa concentration (2 % w/v and 3 % w/v) leads 

to too liquid solutions, not suitable for the preparation of 3D printable hydrogel, while higher 

concentration (10 % w/v) requires long time of solubilization (more than overnight at 37 °C) and 

provides straw yellow colour to the final solution, which makes it not useful for 3D cell culture, in 

which transparent materials are required to carry out 3D imaging and biological assays. Finally, 4 % 

w/v of AlgMa solution was selected as the best concentration to obtain a homogenous “gelly-like” 

solution with a fast solubilization rate at 37 °C and optical transparency.  

 

Rheological properties of AlgMa solution at 4 % w/v were analysed in order to predict and verify its 

behaviour by simulating the 3D bioprinting process. For this purpose, both oscillation and rotational 

measurements, such as amplitude sweep, flow curve and recovery tests, were carried out at 25 °C in 

a plate-plate geometry, as described in the experimental section. 4 % w/v of pristine alginate solution, 

solubilized in the same phosphate-based buffer, were also evaluated through the same rheological 

tests and compared with the AlgMa solution ones, in order to assess any effect of the methacrylation 

on the rheological properties. Amplitude sweep analysis was performed as first “screening” to 

identify the rheological moduli of the solutions and to correlate the resulting behaviour with the 

printability. Amplitude sweep analysis (oscillatory analyses), reported in Figure 19 a, was reported 

in logarithmic scale by plotting storage (G’) and loss (G’’) moduli against a deformation range (strain) 

from 0.01 % to 1000 %. In particular, pristine Alg and AlgMa solutions display a loss modulus G’’, 

of 61 Pa and 52 Pa, respectively, higher than the storage modulus G’, of 19 Pa and 15 Pa, respectively, 

up to 100 % of deformation. Then, over 100 % of strain, both moduli drop down without displaying 

any resistance to the higher deformation. This behaviour is typically ascribable to “liquid-like” gel in 

which the viscous behaviour, represented by the loss modulus G’’, dominates the elastic one, 

represented by the storage modulus G’. As it is possible to observe from the amplitude sweep graph 

(Figure 19 a), both Alg and AlgMa solutions show a similar trend and values of G’ and G’’ moduli, 

meaning that no differences before and after methacrylation are detected from a rheological point of 

view. 
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In order to verify the shear-thinning behaviour of the materials, which is the parameter related to the 

actual printability, flow curves (rotational analyses) where performed on both Alg and AlgMa 

solutions from 0.01 s-1 to 1000 s-1 and the results are reported in Figure 19 (b,c) by plotting the 

viscosity curve (η) (Figure 19 b) and the shear stress (τ) (Figure 19 c) as a function of the shear rate 

in both logarithmic and linear scales, respectively. As shown from Figure 19 b, Alg and AlgMa 

solution display a similar behaviour characterized by an initial and small pronounced viscosity 

plateau, also called zero-shear viscosity (η0) or Newtonian plateau, followed by a linear decrease of 

the viscosity with the increase of the shear-rate (shear-rate dependent viscosity function η = f (𝛾̇). In 

particular, Alg solution show 11 Pa×S of viscosity at 0.1 s-1 and 0.9 Pa×S at 1000 s-1 shear rate, while 

AlgMa solution display 13 Pa×S of viscosity at 0.1 s-1 and 0.8 Pa×S at 1000 s-1 shear rate.  

From a macromolecular point of view, this behaviour might be explained by using the entanglement 

model, in which a volume element containing many entangled and randomly distributed polymer 

chains occupy a certain physical space. When shearing, a certain number of macromolecules are 

oriented into shear direction and, for some of them, this results in partial disentanglements. As a 

consequence, viscosity decreases in these parts of the volume element. Simultaneously, however, 

some other macromolecules which were already oriented and disentangled in the previous time 

interval are now recoiling and re-entangling again. This is a consequence of the viscoelastic behaviour 

which the polymer molecules still are able to show even under low-shear conditions. In the observed 

period of time, the sum of the partial orientations and re-coilings of the macromolecules results in no 

significant change of the flow resistance related to the behaviour of the whole volume element. 

Therefore here, the constant entanglement density results in a constant viscosity value. Thus, the total 

η-value in this shear rate range is still measured as a constant value, which is referred to as the zero-

shear viscosity η0. Moreover, from Figure 19 b it is possible to observe that AlgMa solution, 

represented with the red viscosity curve, displays a less pronounced zero-shear viscosity range or 

Newtonian plateau. This difference might be dependent to the polymer molar mass and spatial 

organization since polymers with smaller chains, could not show strong entanglements between the 

individual molecule chains, thus displaying ideally viscous flow behaviour, while polymer with 

higher molar mass or a more complex spatial organization, which might form entanglements between 

polymer chains, show zero-shear viscosity at a lower shear value and at higher viscosity value. 

Moreover, in order to better visualize the viscosity behaviour of the solutions, the flow curves were 

also reported by referring to the shear-stress (τ) as a function of the shear-rate in a linear scale, as 

shown in Figure 19 c. In this case, it is evident that the materials do not show a yield point. Finally, 

because of the “liquid-like” nature of these solutions, the lack of a flow point which define their 
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printability, and their poor recovery behaviour resulting from the rheological characterization, 3D 

bioprinting tests were carried out to confirm the hypothesis of the impossibility to obtain printable 

materials with the suitable rheological properties and mechanical stability. The bioprinting test, which 

involves the formation of a circle grid structure with 3 cm of diameter and 5x5 mm of pore size, 

demonstrates that the AlgMa filament produced after the extrusion of the AlgMa solution, completely 

losts its shape and spread onto the bioprinter bed. The poor shape-fidelity of AlgMa solution was also 

confirmed by the recovery test results shown in Figure 19, which simulate the entire bioprinting 

process from the pre-printing stage to the material deposition onto the bioprinter bed, by reproducing 

through a rotational movement of the rheometer’s plates, the same shear rate that the material 

experiences in the three printing stages: (i) a static shear (before the printing), (ii) an high shear 

(during the extrusion) and (ii) a static shear (after the extrusion). To reproduce the shear value as 

much as possible similar to that one experienced from the material during the extrusion, low shear 

(0,1 s-1), simulating static condition were applied in the first and last stages, while high shear of 150 

s-1 was applied in the second one for 6 min, reproducing the real shear applied onto the material while 

passing through the nozzle. This value was obtained through the mathematical equations (equation 3, 

equation 4, equation 5) reported below, which consider (i) the real bioprinting speed rate, (ii) the 

geometry of the needle and (iii) the volumetric flow rate: 

 

ɣ =  
4𝑄

𝜋𝑟3                                                                                                                                 equation (3) 

 

where Q is the volumetric flow rate and r is the value of the nozzle radius. The value of the volumetric 

flow rate for a nozzle that has the shape of a cylinder was determined using the equation 4: 

𝑄 = 𝐴𝑙 𝑉                                                                                                                               equation (4) 

 

where Al is the lateral area of the section and V represents the flow velocity. The lateral area of the 

cylinder section was calculated through the equation:             

    

𝐴𝑙 =  2𝜋𝑟ℎ                                                                                                                            equation (5) 

 

where r is the value of the nozzle radius and h is the height of the nozzle. 

 

By approximation, the flow rate has been set at 10 mm/s, the nozzle 22 Gauge, which are equivalent 

to 0.4 mm in diameter, while the height of the nozzle is equal to 10 mm. Therefore, the value of shear 

strain was found to be equal to 150 s-1. As resulted from the recovery test (Figure 19 d), AlgMa 
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solution displays 13 Pa×s as viscosity value at low shear rate (0.1 s-1), when the pre-printing stage is 

simulated, and the recovery behaviour after the high shear rate, simulating the extrusion step, is 

evaluated as the ability of the hydrogel to reach the same viscosity value displayed in the first step 

before the extrusion. As shown from the graph in Figure 19 d), AlgMa solution reaches 3 Pa×s as 

viscosity at low shear rate after the printing process, meaning that the recovery is 23%.  

 

For this reason, the AlgMa hydrogel formation is required to create physical entanglements and weak 

chemical interactions between polymers chains, which should provide the suitable mechanical 

properties to fulfil all the requirements to get both printability and shape-fidelity properties that are 

the main characteristics of an ink. 

 

AlgMa hydrogel was produced by mixing in a ratio of 25:10 v/v, 4 % w/v of AlgMa solution with 

calcium chloride 60 mM, as explained in the experimental section. This specific ratio was obtained 

after several optimization and by taking inspiration from Freeman et al. [251] work, with the aim to 

only provide the initial required mechanical properties to the material by avoiding any instantaneous 

and not homogenous permanently crosslinks between chains, typical of this ionic interaction. In fact, 

calcium ions are usually employed to ionically crosslink alginate or alginate-based hydrogel by 

exploiting the “egg-box” structure which is formed between alginate -OH groups and ions. This 

ability to produce ionic interactions, is preserved after the methacrylation reaction and it can be 

exploit to create the physical entanglements and the weak chemical interactions between polymers 

chains required for the formulation of the final ink. 

 

Once the starting hydrogel is formed, AlgMa inks are produced by separately mixing two different 

concentrations of Irgacure 2959, 0.2 % w/v and 0.25 % w/v, to the AlgMa hydrogel formulation 

already optimized, in order to produce ink A and ink B, respectively. These concentrations of Irgacure 

were selected to obtain tunable mechanical properties, by considering the fact that different stiffnesses 

can be reached both by changing (i) the UV irradiation time after the printing process, maintaining 

fixed the photo-initiator concentration, and (ii) the concentration of Irgacure 2959, maintaining fixed 

the UV irradiation time. Several tests were carried out before to establish the right photo-initiator 

concentrations and UV irradiation parameters, by evaluating the mechanical stability tests and the 

cell viability, after photo-crosslinking. In brief, different AlgMa inks containing different 

concentration of both polymer and photo-initiator, were irradiated with different UV time, with the 

aim to maximize the mechanical stability in the culture media and preserve cell functionalities. To 

assess the efficiency and the effects of the photo-initiator and UV irradiation time on the cells, 
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stability tests in phosphate buffer solution and cell viability evaluation through cell counting with 

tripam blue, were evaluated. Table 6 summarizes all the tests carried out and the corresponding 

results. 

 

Table 6. Summary of the stability tests and cell viability of different AlgMa ink formulations. 

Sample 
I2959 

concentration 
UV time Stability test Cell viability 

AlgMa 4% (w/v)  0.05 % (w/v) 1 min Solubilized after 5 min / 

AlgMa 4% (w/v)  0.05 % (w/v) 5 min Solubilized after 15 min / 

AlgMa 4% (w/v)  0.05 % (w/v) 10 min  Solubilized after 20 min / 

AlgMa 4% (w/v)  0.1 % (w/v) 1 min Solubilized after 20 min / 

AlgMa 4% (w/v) 0.1 % (w/v) 5 min Solubilized after 2 h / 

AlgMa 4% (w/v) 0.1 % (w/v) 10 min Solubilized after 1 day 100% dead 

AlgMa 4% (w/v) 0.2 % (w/v) 5 min Stable until 3 days 100% dead 

AlgMa 4% (w/v) 0.2 % (w/v) 

1 min 

1,5 min 

2 min 

Stable until 3 days 

but lost its shape* 
Live/dead 

AlgMa 4% (w/v) 0.25 % (w/v) 

1 min 

1,5 min 

2 min 

Stable until 3 days Live/dead 

 

1stability tests were performed in phosphate buffer solution by observing structural modification and the dissolution of the material 

during time. 
2cell viability was assessed by counting live cells previously stained with tripam blue reagent. HeLa were used as cell type. 
*shape of the scaffolds after the bioprinting process. 

 

 

After this quick evaluation of mechanical stability and live/dead assay, 0.2 and 0.25 % (w/v) was 

selected as the best Irgacure concentration to produce ink A and ink B, respectively. 

 

In order to evaluate the printability and the shape fidelity of both ink A and ink B, rheological 

characterization was carried out only on the AlgMa hydrogel formulation since the presence of 

Irgacure 2959 in the small percentage used does not affect the rheological parameters. Rheological 

behaviour of AlgMa hydrogel (or AlgMa ink) is reported in Figure 19 as a black curve. From the 

amplitude sweep measure (Figure 19 a), AlgMa hydrogel shows a clear different behaviour with 

respect to both Alg and AlgMa solutions by displaying higher storage modulus (G’) of 90 Pa than 

loss modulus (G’’) of 8 Pa. Moreover, an LVE (linear viscoelastic region) can be identified from 0.01 

% of strain up to 3 % of strain, which determines the region in which the polymer maintain is elastic 

behaviour and, here, the elastic behaviour dominates the viscous one (“gel-like” behaviour). 

Furthermore, when exceeding the limit of the LVE range, with many gels, highly concentrated 

dispersions showing a network of forces, chemically cross-linked materials and solids, the curves of 

G’ and G’’ often do not slope downwards with increasing deformation. G’’ peak basically indicates 
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a portion of deformation energy which is already used before the final breakdown of the internal 

superstructure occurs, to irreversibly deform at first only parts of the latter. This may occur due to 

relative motion between the molecules, flexible end-pieces of chains and side chains, long network 

bridges, or superstructures which are not linked or otherwise fixed in the network.  

When a G’’ peak appears, it can be assumed that initially there was a network structure when at rest, 

independent of whether this structure was built up via primary or secondary bonds. In this case, it can 

also be interpreted that this network does not suddenly collapse in the whole shear gap if the LVE 

range has been exceeded, since here at the beginning, micro-cracks are forming which grow into 

macro-cracks until the G’’ peak is exceeded, until finally a large crack divides the entire shear gap. 

This event is displayed by the crossover point G’ = G’’, which in this case occurs at 46 %, and it 

means that the sample is flowing now as a whole. The maximum of the G’’ curve and the crossover 

point of the curves of G’ and G’’ are mostly occurring very close together. 

By further analysing the viscosity function and the printability of the AlgMa hydrogel formulation 

through rotational tests, it is possible to observe that this material decreases his viscosity with the 

increase of the applied shear rate (Figure 19 b), meaning that it is able to flow under an applied shear 

rate without showing any constant η-value in the low-shear range, which is the plateau value of the 

zero-shear viscosity η0, typical of the unfilled or uncrosslinked materials, as displayed for Alg and 

AlgMa solutions. In particular, at low shear rate AlgMa hydrogel displays 681 Pa×s of viscosity 

while at high shear rate this value decreases to reach a value of 0.4 Pa×s. Furthermore, Figure 19 c 

reporting shear stress against shear rate in a linear scale, clearly shows that AlgMa hydrogel display 

a well-defined and pronounced yield point around 100 s-1, which defines the point at which a material 

is able to flow after the application of external forces and that typically characterize ink and bioink 

for 3D bioprinting application. 

 

Finally, from the recovery test (Figure 19 d), carried out by applying the same strategy used for 

AlgMa solution, AlgMa hydrogel shows higher viscosity value of 720 Pa×s and 300 Pa×s at low 

shear rate (0.1 s-1) in the first and last step of the measure, respectively, with respect to the AlgMa 

solution, and a compared viscosity value at high shear rate with a recovery percentage of 41 %. This 

result demonstrates that (i) AlgMa hydrogel formulation can be easily extruded as AlgMa solution, 

even the presence of entanglements and ionic interactions, and that (ii) the recovery behaviour is 

predominant after the high shear.  
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Figure 19. Rheological characterization of pristine alginate solution (blue curves), alginate methacrylate 

solution (red curve) and alginate methacrylate hydrogel (black curve) by amplitude sweep tests (a), flow 

curves in logarithmic (b) and linear (c) scale and recovery tests (d). Storage and loss moduli are represented 

as filled squares and empty circles, respectively. 

 

 

Finally, once the inks formulations have been identified through the rheological characterization, two 

different AlgMa-based bioinks were developed, named as bioink A and bioink B. Both bioinks were 

prepared by gently mixing 100 µL of HeLa cells (106 cells/100 µL) with 1 mL of each ink formulation 

to form bioink A (BA) and bioink B (BB), respectively. 

 

3.2.3. Gelatin methacrylate hydrogel and bioink 

 

As already explained for the preparation of AlgMa hydrogel and bionks, the GelMa hydrogel, ink and 

bioink formulation involves a deep rheological characterization in order to predict its printability, 

mechanical and dimensional stability during time by evaluating both storage (G’) and loss (G’’) 

moduli and viscosity (η) as a function of a deformation (%) and shear rate (𝛾̇), respectively. GelMa 

hydrogel and bioink preparation, firstly involves the preparation of GelMa solution. As described in 

the experimental section, GelMa hydrogel 5 % (w/v) was prepared by dissolving lyophilized GelMa 

in phosphate-buffer solution and by adding 0.1 % (w/v) of Irgacure 2959 (I2959), as photo-initiator. 

Both concentrations of GelMa and I2959 were selected as the best concentration to produce the 

GelMa ink and bioink by evaluating the mechanical stability tests and the cell viability, after photo-

crosslinking. In brief, several tests were carried out on different GelMa inks containing different 

percentage of both polymer and photo-initiator, were irradiated with different UV time, with the aim 

to maximize the mechanical stability in the culture media and preserve cell functionalities. To assess 

the efficiency and the effects of the photo-initiator and UV irradiation time on the cells, stability tests 

in phosphate buffer solution and cell viability evaluation through cell counting with tripam blue, were 

evaluated. Table 7 summarizes all the tests carried out and the corresponding results. 
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Table 7. Summary of the stability tests and cell viability of different GelMa ink formulations. 

Sample 
I2959 

concentration 

UV  

intensity 
UV time Stability test1 Cell viability2 

GelMa 5% (w/v)  0.1 % (w/v) 

4 % 

4 % 

4 % 

1 min 

2 min 

3 min 

Solubilized after 1 h 

Solubilized after 1 h 

Solubilized after 1 h 

100 % 

100 % 

100 % 

GelMa 5% (w/v)  0.5 % (w/v) 

4 % 

4 % 

4 % 

20 % 

1 min 

2 min 

3 min 

3 min 

Solubilized after 1 h 

Solubilized after 1 h 

Solubilized after 1 h 

Solubilized after 3 d 

dead 

GelMa 10% 

(w/v)  
0.1 % (w/v) 

4 % 

4 % 

4 % 

1 min 

2 min 

3 min 

Solubilized after 12 h 

Solubilized after 12 h 

Solubilized after 12 h 

100 % 

100 % 

100 % 

GelMa 10% 

(w/v)  
0.2 % (w/v) 

4 % 

4 % 

4 % 

1 min 

2 min 

3 min 

Solubilized after 12 h 

Solubilized after 24 h 

Solubilized after 24 h 

> 80 % 

GelMa 5% (w/v)  0.5 % (w/v) 4 % 3 min >7 d dead 

GelMa 5% (w/v)  0.1 % (w/v) 50 % 1 min 21 d 100 % 
 

1stability tests were performed in phosphate buffer solution by observing structural modification and the dissolution of the material 

during time. 
2cell viability was assessed by counting live cells previously stained with tripam blue reagent. HIFs, HCFs and HCTs-8 were used as 

cell types. 

 

 

After the quick evaluation of mechanical stability and cell viability, 5 % (w/v) of GelMa and 0.1 % 

(w/v) of I2959, were selected as the best concentrations to produce the final GelMa ink formulation. 

Since the presence of I2959 does not affect the mechanical properties of the material, GelMa hydrogel 

and GelMa ink are considered equal.  

 

Differently from AlgMa, in the case of GelMa, hydrogel formation is ensured by the presence of 

physically cross-links formed between chains when the temperature decreases below the gelling point 

at 32 °C. Over the gelling point temperature, GelMa becomes liquid since it still preserves the thermo-

responsiveness characteristics of the gelatin polymer. For this reason, in order to get a printable and 

processable GelMa, physical gelling must be achieved by reducing the temperature below 32 °C 

before and during the bioprinting process. However, a deep rheological characterization is necessary 

to establish the right bioprinting temperature process in order to get a continuous filament extrusion 

and well-defined 3D structures by avoiding nozzle clogging issues. 
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For this reason, an intense rheological study was performed on GelMa ink with the aim to simulate 

the entire printing process through oscillatory and rotational tests at different temperatures and to find 

the right set up and printing parameters.  

 

Firstly, the temperature dependent mechanical properties of the GelMa were characterized by 

evaluating how the G' and G'' moduli change as a function of the temperature, in order to identify the 

best temperature to print GelMa hydrogel. Amplitude sweep oscillatory tests were performed on the 

GelMa 5% (w/v) hydrogel at 15°C, 20°C and 25°C, which represent the range of safely printing 

temperature of hydrogels and cells, once embedded in the final bioink formulation. As shown in figure 

20 a, the hydrogel displays a well-defined gel-like behavior for each temperature, since the storage 

moduli (G’), represented by the filled squared curves, are always higher with respect to the loss 

moduli, along the applied strain (%). Furthermore, both moduli are largely independent of frequency 

for a certain range of strain %, thus defining a specific LVE for each curve. The specific values of G’ 

and G’’, along with the LVE range and the crossover point (c. pt.) are reported in Table 8. 

 

Table 8. G’ and G’’ moduli, LVE range and crossover points of GelMa hydrogel obtained through 

amplitude sweep tests. 

T(°C) LVE (%) G’ (Pa) G’’ (Pa) c. pt. (%) 

15 0.1 - 60 845 8.40 320 

20 0.1 - 70 131 3.41 480 

25 0.1 - 100 0.46 0.23 463 

 

Comparing all the curves reported in Figure 20 a, it is pointed out that at 25°C, the values of G’ and 

of G’, are similar, indicating a weak gel, whereas the difference between G’ and G’’ values at 20°C 

and 15°C increases, with the two moduli that differs for a hundred of P, typical of strong gels. 

Therefore, it was deduced that as the temperature increases, GelMa assumes a predominant viscous 

behavior. Moreover, the G’’ peak, which defines the presence of a well-defined substructure in the 

hydrogels, is very marked at 15°C and 20°C, but almost absent at 25°C. For this reason, due to the 

poor mechanical properties and interaction between chains in GelMa 5% (w/v) hydrogel at 25°C, this 

temperature was not further investigated. At the crossover point, G’ is equals to G’’, and the gel-like 

behavior of hydrogels switches into a liquid-like behavior, meaning that the materials is unable to 

rebuild its internal interaction responsible of the elastic behavior. GelMa at 15°C shows the lower 

crossover point at 320%, while GelMa at 20 °C and 25 °C displays a similar percentage of crossover 

point at 480 % and 470 %. This means that at 15 °C the physical entanglements formed are stronger 
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with respect to the ones at 20 °C and 25 °C. At 15°C the gel, show a more rigid and fragile mechanical 

behavior with a narrower linear viscoelastic range. GelMa 20 °C and 15 °C shows better mechanical 

properties for 3D bioprinting application, since it has higher G’ and G'’ values with a great separation 

up to around 400 % of strain (see table 8), a well-defined substructure, and a suitable value of G’ 

modulus to support cells once embedded in the gels, which are optimal properties to have good 

mechanical resistance in the 3D-bioprinted constructs. Through this first rheological scanning and 

qualitative evaluation, it was possible to select the optimal printing temperature at 15 °C or 20 °C. 

 

Considering the excellent printability properties of the GelMa hydrogels at 15°C and 20 °C, the 

mechanical properties of the material were evaluated as a function of the temperature, in order to 

understand how the GelMa behaves by increasing the temperature at around 37 °C, which simulate 

the change of temperature from the printing process (15 °C or 20 °C) to the physiological/incubation 

temperature (37 °C). Temperature Sweep measurement was carried out at a constant value of angular 

frequency and at a constant value of strain, in order to understand how mechanical properties of the 

hydrogel could be influenced by a rage of temperature, that can simulate different temperature from 

the storage temperature to the printing and incubation one. In particular, (i) the storage temperature 

(4°C) of the hydrogel in the fridge, (ii) the printing temperature (15°C or 20°C) and (iii) the incubation 

temperature (37°C, physiological temperature) after printing process have been evaluated. 

As it is shown in Figure 20 b, mechanical properties of the sample show two different trends 

depending on the temperature range: (i) from 4 °C to 20 °C, G’ and G’’ decrease quickly, but always 

maintaining a solid-like behavior, (ii) from 20 °C to 40 °C G’ and G’’ abruptly decrease until reached 

a cross point at 38°C with a value of G’ and G’’ around 0,200 Pa, so the material has a liquid-like 

behavior. This result highlights that at 37°C the hydrogel shows poor mechanical properties without 

a post-printing crosslinking process since it displays a clearly liquid-like behavior. By evaluating the 

rheological results as a function of the temperature, it is evident that GelMa 5 % (w/v) shows a good 

printability at both 15 °C and 20 °C but still maintain water-like characteristic over the gelling point 

(> 32 °C), indicating that the recovery behavior after printing process and the mechanical stability 

over time would be not suitable to accomplish all the requirements needed. 

 

The second important parameter which characterizes a printable hydrogel, is the shear-thinning 

behavior, as previously explained. Viscosity test was performed on GelMa 5% (w/v) hydrogel in 

rotational mode applying a shear rate from 0,1 s-1 to 1000 s-1, with controlled shear stress, at both 15 

°C and 20 °C, and the resulted flow curves are reported in Figure 20 (c,d) both in terms of viscosity 

against the shear applied and as a function of shear stress vs shear rate, to better visualize and evaluate 
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the yield point. In particular, the initial value of viscosity for GelMa hydrogel at 15°C, is around 

4,190 Pa×s, while at 20°C is around 330 Pa×s. The final value of viscosity for GelMa at 15°C, at a 

shear rate of 1000 s-1, is about 0,551 Pa s, while the final value of viscosity of GelMa at 20°C, at high 

shear rate, is about 0,563 Pa s. It is evident that GelMa displays shear thinning behavior at both 15°C 

and 20°C, since the viscosity decreases as the shear rate increases. Shear thinning behavior depends 

on the internal structure of the polymer, in fact, at low shear rates the material is able to resist to the 

applied shear forces since the material displays a strong physical interaction, as demonstrated from 

the amplitude sweep tests. On the contrary, at higher shear rate, the ‘layers’ which represent the 

internal network start to slide each other, meaning that the resistance to the flow decreases with the 

increase of the shear rate. Furthermore, by plotting the shear stress against shear rate (Figure 20 d) 

GelMa 5% (w/v) shows a particular trend at 15°C, which results in an increase of the shear stress at 

low shear rate. This behavior is due to the presence of strong intermolecular physical interaction 

controlled by the temperature. In fact, as demonstrated from the amplitude sweep measurements, 

GelMa hydrogels show higher moduli at 15 °C. Shear stress against the shear rate graph (Figure 20 

c) further confirms the shear thinning behaviour, thanks to the presence of the yield point at 200 s-1, 

which is more distinguishable than in the graph viscosity vs. shear rate reported in Figure 20 b, and 

it also allows to understand which is the shear stress corresponding to the shear rate (or printing rate) 

selected to carry out the bioprinting process, which will be experienced from the cells once embedded 

in the hydrogel. In fact, by considering both flow curves (Figure 20 (b,c)) it is possible to observe 

that at 80 s-1 shear rate (which correspond more or less at 3 mm/s of printing rate) the viscosity 

overcome the flow point and start to decreases enough to be extruded by miniating a low value of 

shear stress, 350 Pa, which is a value that can be safely experienced by the cells once embedded in 

the hydrogel. In order to evaluate if this value can be really used to produce a continuous filament 

once converted in a real extrusion rate, a bioprinting test was carried out by testing different extrusion 

rates from 3 mm/s until 10 mm/s. From the bioprinting tests, 5 mm/s (which is around 150 s-1shear 

rate) revealed as the suitable printing rate (or extrusion rate) to get a continuous filament extrusion 

during the printing process. From this evidence, it is possible to confirm that (i) the value of the flow 

point corresponds to the leakage of the material outside the needle and (ii) that in order to produce a 

continuous flowing of material during time the overcoming of the flow point value (150 s-1) is 

fundamental. 

 

In conclusion, the viscosity curve pointed out that GelMa at 15°C and 20°C, can be defined as a 

printable ink, since it displays both shear thinning behavior and yield point which makes it an optimal 

material for the 3D Bioprinting. However, the strong yield point displayed by GelMa at 15 °C 
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indicates that the extrusion process involves high pressure to trigger the flow process and generates 

the filament formation at the end of the needle, which could affect cell viability due to the high shear 

experienced from the cells itself. For this reason, 20 °C was selected as the suitable bioprinting 

temperature to fabricate the 3D models, by considering that to obtain stable structure a post-printing 

photo-crosslinking process is required. In order to quantitively identified the shear thinning behavior, 

the flow index “p” where identified through the interpolation of the Tscheuschner regression which 

can be represented with the following expression 𝜏 = 𝜏0 + 𝑐1 ∙  𝛾̇𝑝 + 𝑐2  ∙  𝛾̇, where 𝜏0 is the yield 

point in Pa, 𝑐1 is the coefficient for the low and medium shear range to describe the shear-induced 

structure change, 𝑐2 is the coefficient that indicates the slope of the flow curve at high shear rate and 

the exponent p represents the flow index and quantitatively identify shear-thinning behaviour of gel. 

In particular, when p > 1, material displays shear-tickening behaviour, when p < 1 material displays 

shear-thinning behaviour, while p = 1 represents ideally viscous flow behaviour. In the case of GelMa 

5 % w/v, after the interpolation of the Tscheuschner regression with the viscosity curve (correlation 

coefficient R2=0.99) in Figure 20 d at 20 °C, p shows a value of 0.01, which further prove its shear-

thinning characteristic. 

 

Before moving on with the bioprinting process, a simulation of the entire bioprinting process was 

carried out by a rheological measure called recovery test, through which it is possible to predict how 

the hydrogel behaves before, during, and after the extrusion. In particular, low shear rate (0.01 s-1), 

simulating static condition of the hydrogel, was used to describe the steady static situation of the 

hydrogel inside the syringe before the bioprinting and after the extrusion process (filament deposition 

onto the bioprinter bed), while high shear rate (300 s-1) was used to simulate the extrusion process. 

This value was selected by using the equations mentioned in section 3.2.1. As reported in Figure 20 

e, results highlight that before the bioprinting, the viscosity shows a time dependency behaviour at a 

constant shear rate (0.1 s-1) in which the value decreases from 3570 Pa×s to 2110 Pa×s, and, after the 

extrusion, it still maintains the same trend even if it is less pronounced, by showing an initial viscosity 

of 945 Pa×s and a final one of 783 Pa×s, with a recovery percentage of  83 %. Instead, during the 

extrusion the viscosity reaches zero Pa×s. This behaviour demonstrates that (i) GelMa hydrogel 

formulation can be easily extruded at 20 °C, (ii) GelMa displays a time dependent behaviour since 

the viscosity change during time at fixed shear rate set at 0.1 s-1 and (ii) after the extrusion, GelMa 

does not completely recover its initial mechanical properties, probably because the physical 

entanglements established at 20 °C are partially broken during the extrusion.  
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Figure 20. (a) Amplitude sweep of GelMa 5% (w/v) hydrogel at different temperature 15 °C (black curve), 20 

°C (red curve) and 25 °C (green curve). The elastic and loss modulus are reported as single line with filled 

squares and empty circles, respectively. (b) Storage and loss moduli in a temperature range from 40 °C to 4 

°C, at 1 °C/min of heating rate, at a constant angular frequency value of 5 rad/s and a constant strain of 0,5 %. 

(c) Controlled shear rate (CSR) of GelMa 5% (w/v) hydrogel in which the viscosity values are reported as a 

function of shear rate applied (0,1-1000 s-1) at 15°C and 20°C plotted in a logarithmic scale. (d) Shear stress 

values as a function of the shear rate (0,1-1000 s-1) at 15°C and 20 °C plotted in a linear scale. (e) Recovery 

test of GelMa 5 % performed at 20 °C by applying three different shears: low shear of 0.1 s-1 applied from 0 

sec to around 500 sec and from around 600 sec to 1000 sec, and high shear rate of 300 s-1 for 3 sec after the 

first low shear rate applied. 

 

 

Once the hydrogel formulation has been identified through the rheological characterization, GelMa 

ink was produced by mixing 0.1 % w/v of Irgacure 2959, which was selected as safely photo-initiator 

concentration for cells thanks to a quick cell viability evaluation carried out by placing in direct 

contact Irgacure 2959 with the cell, before and after UV irradiation. Finally, GelMa bioink was 

prepared by gently mixing 100 µL of human skin fibroblast (HSFs) (106 cells/100 µL) with 1 mL of 

GelMa ink formulation.  

 

 

 

3.3.4. Collagen hydrogel and bioink 

 

As explained above, collagen hydrogel was developed in cooperation with Typeone Biomaterials 

s.r.l. by signing an NDA and MTA agreements. The chemical composition, characterization and 

process production of the collagen hydrogel were optimized and developed by the company, while 
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the rheological characterization to assess the printability and recovery properties was developed and 

carried out during this Thesis. 2.5 % of collagen hydrogel at neutral pH was employed for this study. 

Firstly, amplitude sweep measurements were carried out to evaluate the viscoelastic properties of the 

collagen hydrogel formulation, which refer in particular to the assessment of G’ and G’’ moduli, as 

already explained for AlgMa and GelMa hydrogels. The measure was carried out by applying 1 Hz 

of frequency and an increasing deformation strain from 0.01 % to 1000 %. 20 °C was selected as 

temperature to carry out the measurements since the rheological properties of this collagen 

formulation are not affected by the temperature because of its chemical composition and nature. 

Furthermore, since collagen is also used in combination with GelMa, as explained in the next section, 

20 °C can be used as reference temperature to compare all the rheological results with that one 

obtained with the pure GelMa. As shown in Figure 21 a, collagen shows a gel-like behavior since 

storage modulus (G’), represented as a black curve with filled squares, is higher (425 Pa) with respect 

to the loss one (G’’) (70 Pa). Furthermore, the LVE range is maintained up to 4 % of strain and the 

crossover point occurs at 69 %, after which the material starts to behave as a liquid.  

 

In order to verify the shear-thinning behaviour of the material, which is the parameter related to the 

actual printability property, viscosity curve was obtained through rotational measurement by applying 

a shear rate from 0.01 s-1 to 1000 s-1 and the results are reported in Figure 21 (b,c) by plotting both 

the viscosity curve (η) (Figure 21 b) and the shear stress (τ) (Figure 21 c) as a function of the shear 

rate (𝛾̇) in a logarithmic and linear scales, respectively. As shown in Figure 21 b, the typical shear 

thinning behaviour of printable material is well defined since the viscosity decrease with the increase 

of the applied shear rate by following the Tscheuschner regression which can be represented with the 

following expression 𝜏 = 𝜏0 + 𝑐1 ∙  𝛾̇𝑝 + 𝑐2  ∙  𝛾̇, where 𝜏0 is the yield point in Pa, 𝑐1 is the coefficient 

for the low and medium shear range to describe the shear-induced structure change, 𝑐2 is the 

coefficient that indicates the slope of the flow curve at high shear rate and the exponent p represents 

the flow index and quantitatively identify shear-thinning behaviour of gel. In this case, collagen 

shows a p value of 0.22, which further proves its shear-thinning characteristic. Furthermore, by 

plotting the shear stress against the shear rate (Figure 21 c) it is possible to confirm the shear thinning 

behaviour, thanks to the presence of the yield point at 200 s-1, which is more distinguishable than in 

the graph viscosity vs. shear rate reported in Figure 21 b, and it also allows to understand which is 

the shear stress corresponding to the shear rate (or printing rate) selected to carry out the bioprinting 

process, which will be experienced from the cells once embedded in the hydrogel. In fact, by 

considering both flow curves (Figure 21 (b,c)) it possible to observed that at 100 s-1 shear rate (which 

correspond more or less at 3 mm/s of printing rate) the viscosity overcome the flow point and start to 
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decreases enough to be extruded by maintaining a low value of shear stress, 135 Pa, which is a value 

that can be safely experienced by the cells once embedded in the hydrogel. In order to evaluate if this 

value can be really used to produce a continuous filament once converted in a real extrusion rate, a 

bioprinting test was carried out by testing different extrusion rates from 3 mm/s until 10 mm/s. From 

the bioprinting tests, 7 mm/s (which is around 300 s-1shear rate) was revealed as the suitable printing 

rate (or extrusion rate) to get a continuous filament extrusion during the printing process. From this 

evidence, it is possible to confirm that (i) the value of the flow point corresponds to the leakage of 

the material outside the needle and (ii) that in order to produce a continuous flowing of material 

during time the overcoming of the flow point value (100 s-1) is fundamental. 

Finally, the simulation of the entire bioprinting process was carried out by a rheological measure 

called recovery test, through which it is possible to predict how the hydrogel behaves before, during 

and after the extrusion, as already explained for the previous materials. In particular, low shear rate 

(0.01 s-1), simulating static condition of the hydrogel, was used to describe the steady static situation 

of the hydrogel inside the syringe before the bioprinting after the extrusion process (filament 

deposition onto the bioprinter bed), while high shear rate (300 s-1) was used to ideally simulate the 

extrusion process. This value was selected by using the equations mentioned in section 3.2.1. As 

reported in Figure 21 d, results show that collagen in both static conditions, before and after 

bioprinting, show 400 Pa s and 390 Pa s, respectively, while during the extrusion displays almost zero 

viscosity. This behaviour demonstrates that collagen hydrogel formulation (i) can be easily extruded 

at 20 °C, (ii) displays a short duration time dependency behaviour during small time since the 

viscosity change during time at fixed shear rate set at 0.1 s-1 and (ii) after the extrusion, it almost 

recovers its initial mechanical properties (97.5 % of recovery after extrusion). 

 

 

 

Figure 21. (a) Amplitude sweep of collagen 2.5% at 20 °C (red curve). Both elastic and loss moduli are 

reported as single line with filled squares and empty circles, respectively. (b) Controlled shear rate (CSR) of 

collagen 2.5 % which reports the viscosity values are reported as a function of shear rate applied (0,1-1000 s-

1) at 20°C plotted in a logarithmic scale. (d) Controlled shear rate (CSR) of collagen 2.5 % which reports shear 

stress values as a function of the shear rate (0,1-1000 s-1) at 20 °C plotted in a linear scale. (e) Recovery test 
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of collagen 2.5 % performed at 20 °C by applying three different shears: low shear of 0.1 s-1 applied from 0 

sec to around 500 sec and from around 600 sec to 1000 sec, and high shear rate of 300 s-1 for 3 sec after the 

first low shear rate applied. 

 

 

Once the hydrogel formulation has been identified through the rheological characterization, collagen 

ink was produced by mixing 0.1 % (w/v) of Irgacure 2959, which was selected as safely photo-

initiator concentration for cells thanks to a quick cell viability evaluation carried out by placing in 

direct contact Irgacure 2959 with the cell, before and after UV irradiation. Finally, collagen bioink 

was prepared by gently mixing 100 µL of both human intestinal fibroblast (HIFs) (106 cells/100 µL) 

and human skin fibroblast (HSFs) with 1 mL of collagen ink formulation. 

 

3.2.4. Interpenetrating polymer network hydrogel and bioink 

 

Interpenetrating polymer network was developed by mixing GelMa 5 % (w/v) and collagen 2.5 % in 

a ratio of 50:50, with the aim to obtain a new hydrogel formulation that can incorporate both the 

thermo-responsiveness properties of the GelMa and the biomimicry of the collagen, since it is the 

most abundant protein of the ECM. The hydrogel formulation, as explained in detail in the 

experimental section, involves the (i) the mixing of GelMa 5 % (w/v) and collagen 2.5 % and (ii) the 

photo-crosslinking process to establish covalent cross-links only between collagen chains. As already 

mentioned, IPN formation is ensured after the bioprinting process, in particular, during the photo-

crosslinking process, which triggers the cross-links between GelMa chains to further stabilize the 

structure and create a fully cross-linked network, in which each polymer is crosslinked with itself in 

the presence of the other component. For this reason, the hydrogel and bioink formulation, should be 

properly called as semi-IPN in this section, because only the collagen is photo-crosslinked.  

In order to print this formulation by ensuring the suitable filament without nozzle clogging issues, 20 

°C was selected as temperature to carry out the bioprinting process since both collagen and GelMa 

show good rheological performances in this condition. Furthermore, in this way, at 20 °C, GelMa can 

form physical entanglements in the presence of cross-linked collagen, making the two materials 

intimately connected to form a semi-IPN structure. 

 

To evaluate the rheological moduli (G’ and G’’) of the semi-IPN, amplitude sweep measurements 

were carried at 20 °C by applying 1 Hz of frequency and an increasing deformation strain from 0.01 

% to 1000 %. As shown in Figure 22 a, IPN shows a gel-like behavior since storage modulus (G’), 

represented by the black curve with filled squares, is higher (300 Pa) with respect to the loss one (G’’) 
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(30 Pa), with the LVE range ranging from 0.1 % up to 31 % of strain and the crossover point occurring 

at 150 %, after which the material starts to behave as a liquid.  

 

As already explained in the previous sections, in order to verify the shear-thinning behaviour of the 

material, which is the parameter related to the actual printability property, rotational test was 

performed by applying a shear rate from 0.01 s-1 to 1000 s-1 and the results are reported in Figure 22 

(b,c), by plotting both the viscosity curve (η) (Figure 22 b) and the shear stress (τ) (Figure 22 c) as a 

function of the shear rate (𝛾̇) in a logarithmic and linear scales, respectively. As shown in Figure 22 

b, the typical shear thinning behaviour of printable material is well defined since the viscosity 

decrease with the increase of the applied shear rate, from 700 Pa×s at 0.1 s-1 to 0.4 Pa×s at 1000 s-1, 

by following the Tscheuschner regression which can be represented with the following expression 

𝜏 = 𝜏0 + 𝑐1 ∙  𝛾̇𝑝 + 𝑐2  ∙  𝛾̇, where 𝜏0 is the yield point in Pa, 𝑐1 is the coefficient for the low and 

medium shear range to describe the shear-induced structure change, 𝑐2 is the coefficient that indicates 

the slope of the flow curve at high shear rate and the exponent p represents the flow index and 

quantitatively identify shear-thinning behaviour of gel. In this case, collagen shows a p value of 0.18, 

which further proves its shear-thinning characteristic. Furthermore, by plotting the shear stress against 

the shear rate (Figure 22 c) it is possible to confirm the shear thinning behaviour, thanks to the 

presence of the yield point at 100 s-1, which is more distinguishable than in the graph viscosity vs. 

shear rate reported in Figure 22 b, and it also allows to understand which is the shear stress 

corresponding to the shear rate (or printing rate) selected to carry out the bioprinting process, which 

will be experienced from the cells once embedded in the hydrogel.  

In fact, by considering both flow curves (Figure 22 (b,c)) it possible to observe that at 100 s-1 shear 

rate (which correspond more or less at 3 mm/s of printing rate) the viscosity overcome the flow point 

and start to decreases enough to be extruded by miniating a low value of shear stress, 125 Pa, which 

is a value that can be safely experienced by the cells once embedded in the hydrogel. To evaluate if 

this value can be used to produce a continuous filament once converted in a real extrusion rate, a 

bioprinting test was carried out by testing different extrusion rates from 3 mm/s until 10 mm/s. From 

the bioprinting tests, 7 mm/s (which is around 300 s-1shear rate) was revealed as the suitable printing 

rate (or extrusion rate) to get a continuous filament extrusion during the printing process. From this 

evidence, it is possible to confirm what already stated for the previous materials, that (i) the value of 

the flow point corresponds to the leakage of the material outside the needle and (ii) that to produce a 

continuous flowing of material during time the overcoming of the flow point value (100 s-1) is, even 

in this case, fundamental. 
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Finally, the simulation of the entire bioprinting process was carried out by a rheological measurement 

called recovery test, through which it is possible to predict how the hydrogel behaves before, during 

and after the extrusion, as already explained for the previous materials. The measurement was 

performed at 20 °C, as explained above. In particular, low shear rate (0.01 s-1), simulating the static 

condition of the hydrogel, was used to describe the steady static situation of the hydrogel experienced 

both inside the syringe, before the bioprinting, and after the extrusion process (filament deposition 

onto the bioprinter bed), while high shear rate (300 s-1) was used to ideally simulate the extrusion 

process. This value was selected by using the equations mentioned in section 3.2.1. As reported in 

Figure 22 d, results show that IPN in both static conditions, before and after bioprinting, the viscosity 

increases with the increasing time. In particular, in the first trait (0 s – 600 s), representing the step 

before the printing process, the viscosity increases from 1150 Pa×s to 1500 Pa×s while in the last 

trait (630 s – 1000 s), representing the step after the extrusion, the viscosity increases from 1100 Pa×s 

to 1450 Pa×s. Differently, during the extrusion, the viscosity reaches the zero value. This behaviour 

demonstrates that collagen hydrogel formulation (i) can be easily extruded at 20 °C, since the 

viscosity abruptly decreases when the shear rate increases, (ii) displays a time dependency behaviour 

in both static steps, since the viscosity slightly increases during time at fixed shear rate set at 0.1 s-1 

and (ii) after the extrusion, it recovers the 71 % of the viscosity and, at the end of the measure, the 

recovery percentage increase up to 94 %, by following the same trend found for the viscosity in the 

pre-printing stage.  

 

 

Figure 22. (a) Amplitude sweep of semi-IPN at 20 °C (red curve). Both elastic and loss moduli are reported 

as single line with filled squares and empty circles, respectively. (b) Controlled shear rate (CSR) of semi-IPN 

which reports the viscosity values are reported as a function of shear rate applied (0,1-1000 s-1) at 20°C plotted 

in a logarithmic scale. (d) Controlled shear rate (CSR) of semi-IPN which reports shear stress values as a 

function of the shear rate (0,1-1000 s-1) at 20 °C plotted in a linear scale. (e) Recovery test of semi-IPN 

performed at 20 °C by applying three different shears: low shear of 0.1 s-1 applied from 0 sec to around 500 

sec and from around 600 sec to 1000 sec, and high shear rate of 300 s-1 for 3 sec after the first low shear rate 

applied.  
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Once the hydrogel formulation has been identified through the rheological characterization, semi-

IPN ink was produced by mixing 0.1 % (w/v) of Irgacure 2959, which was selected as safely photo-

initiator concentration for cells thanks to a quick cell viability evaluation carried out by placing in 

direct contact Irgacure 2959 with the cell, before and after UV irradiation. Finally, semi-IPN bioink 

was prepared by gently mixing 100 µL of both human intestinal fibroblast (HIFs) (106 cells/100 µL) 

and human skin fibroblast (HSFs) with 1 mL of collagen ink formulation. 

 

3.2.5. Cross-linking procedures 

 

After the bioprinting process, which will be explained in the next sections for each bioinks/hydrogels 

application, different post-printing crosslinking processes were carried out, in order to stabilize the 

3D bioprinted scaffolds against water hydrolysis and to obtain stable mechanical properties during 

the incubation conditions. Furthermore, crosslinking process has the important aim to provide wider 

range of tunable mechanical properties, in the desired range stiffness, in order to replicate both healthy 

and altered states or pathological tissues. In fact, it is stated that the main alteration of tumor of 

inflammatory tissues regards the microenvironment surrounding cells, which changes in terms of 

mechanical properties that typically display higher stiffness with the disease progression [207].  

This remodeling process of the extracellular matrix (ECM) strictly influences the morphology and 

the protein expression of the cells. For this reason, when a reliable and physiologically-like artificial 

in vitro models must be replicated, it is fundamental to provide the suitable mechanical properties to 

the artificial ECM, by preserving cell viability and providing stability of the living construct.  

In this section, rheological evaluation of the cross-linked scaffolds will be discussed in order to 

understand how crosslinking affect the mechanical properties of the hydrogel and which are the best 

conditions to obtain stable scaffolds during time in the desired range of stiffness. Notice that AlgMa-

based scaffolds will be discussed separately with respect to GelMa, collagen and IPN-based one, 

since they were employed for different applications. 

 

Crosslinking of alginate methacrylate-based bioink  

 

AlgMa-based scaffolds were produced through 3D bioprinting process as described in the 

experimental section, starting from both inks and bioinks formulations, with the aim to both (i) 

evaluate how the presence of the cells in the scaffolds might affect the rheological properties of the 

native inks and (ii) ensure a tunable mechanical property in the desired range of stiffness to reproduce 

the tissue-like stiffness conditions. 
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Ink A (IA) and ink B (IB), containing 0.2 % (w/v) and 0.25 % (w/v) of Irgacure 2959, respectively, 

were further crosslinked through different methods after the bioprinting process in order to have a 

stable structure during time. Ink A, which is that one containing less percentage of Irgacure, 

experiences a double crosslinking process, as detailed explained in the experimental section, 

involving (i) a first ionic cross-linking, by dipping the scaffold in a calcium chloride solution 60 mM 

for 5 min, and (ii) a photo-crosslinking process through UV irradiation. In the first case, AlgMa forms 

“egg-box” structure which links AlgMa -OH groups and calcium ions, while the second cross-linking 

event, creates covalent bonds between methacrylic group. This double crosslinking process was 

aimed to increase the mechanical resistance and stability of the scaffolds without increase the UV 

time irradiation, which strongly affect the cell viability in relation to the percentage of Irgacure 

involved in this experiment. On the contrary, ink B underwent both double and single crosslinking 

processes, in order to (i) obtain a more stable cell-laden structure during time, (ii) have a comparison 

with the double crosslinked BA scaffolds, and (ii) obtain a wider spectrum of stiffness. 

Three different times of UV irradiation (120 s, 90 s, and 60 s) were tested on both ink A and ink B 

scaffolds, in order to improve tunable mechanical properties to the structures. In particular, three 

scaffolds of ink A were irradiated with UV light for 120 s, 90 s, and 60 s following the immersion in 

calcium chloride solution. The resulting crosslinked structures are labeled as IA120Ca, IA90Ca, and 

IA60Ca, respectively. Otherwise, three scaffolds of ink B were irradiated with UV light for 120 s, 90 

s, and 60 s, as well, without following the immersion in calcium chloride solution, and other three 

scaffolds of ink B were also irradiated with UV light for 120 s, 90 s, and 60 s, as well, following a 

second crosslinking process in calcium chloride solution. The resulting crosslinked structures which 

follow one single crosslinking process are labeled as IB120, IB90, and IB60, respectively, while the 

other three scaffolds which experienced a double crosslinking process are labeled IB120Ca, IB90Ca, 

and IB60Ca, respectively.  

To assess the stiffness of these 3D structures and their tunable mechanical properties, amplitude 

sweep analysis was carried out by applying a strain deformation (%) from 0.1 % until 1000 %, 

maintaining fixed the frequency of the oscillation at 1 Hz. As shown in Figure 23 a, IB120 shows the 

highest storage (33 kPa) and loss (10 kPa) moduli with respect to IB90 (21 kPa for G’ and 6 kPa for 

G’’) and IB60 (20 kPa for G’ and 4 kPa for G’’). All the curve show ‘gel-like’ behavior and a 

crossover point in which G’ is equal to G’’ (G’=G’’). At this point, ‘liquid-like’ behavior dominates 

the elastic one and the materials do not preserve their internal structure and interaction. In particular, 

IB120, IB90 and IB60 crossover points are 45 %, 98 % and 31 %, respectively. Figure 23 b reports 

the storage and loss moduli for IA120Ca, IA90Ca, and IA60Ca 3D bioprinted constructs post dual 

crosslinking process. As it is clear from the graph in Figure 23 b, IA120Ca, IA90Ca, and IA60Ca 



Results and Discussion 

100 
 

display ‘gel-like’ behavior since G’ is always higher than the G’’. In particular, IA120Ca shows 21 

kPa and 7 kPa for G’ and G’’, respectively, IA90Ca shows 17 kPa and 7 kPa for G’ and G’’, 

respectively, while IA60Ca displays 5 kPa and 2 kPa for G’ and G’’, respectively. Crossover points, 

or strain value at which ‘liquid-like’ characteristics overcome the ‘gel-like’ one, occurs at 70 %, 50 

%, and 120 % for IA120Ca, IA90Ca, and IA60Ca, respectively. These results, summarized in Table 

9, demonstrated that both inks are suitable to produce scaffolds with tunable mechanical properties, 

whose stiffness can be tuned by changing (i) the concentration of photo-initiator, (ii) the time of UV 

irradiation, and (iii) the cross-linking methods.  

 

Table 9. Summary of the storage (G’) and loss (G’’) moduli values of all the 3D bioprinting scaffolds 

produced by using ink A and ink B, after the crosslinking processes. 

 Crosslinking post-printing   

3D bioprinted 

scaffold 

UV irradiation time Time of immersion 

in CaCl2 
G’ (kPa) G’’ (kPa) 

IB120 120 s / 33 10 

IB90 90 s / 21 6 

IB60 60 s / 20 4 

IA120Ca 120 s 5 min 21 7 

IA90Ca 90 s 5 min 17 7 

IA60Ca 60 s 5 min 5 2 

  

In particular, in this case, it is clear that by decreasing the photo-initiator concentration from ink B to 

ink A and by introducing a second step of crosslinking process it is possible to reach comparable 

value of G’ and G’’, in terms of order of magnitude, by providing at the same time a wide and 

complete range of stiffness from 33 up to 5 kPa (see table 8). 
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Figure 23. Rheological evaluation of 3D bioprinted ink A (IA) and ink B (IB) after (a) dual cross-linking 

process with CaCl2 and UV light at 60 sec (IA60Ca, black curve), 90 sec (IA90Ca, green curve), 120 sec 

(IA120Ca, red curve) and (b) only photo-crosslinking at 60 sec (IB60, black curve), 90 sec (IB90, green 

curve) and 120 sec (IB 120, red curve) of UV light. Storage modulus (G’) loss modulus (G’’) are represented 

by filled squares and empty circles, respectively, and they are reported as a function of the strain (%) in 

logarithmic scale. 
 

 

Same post-printing crosslinking processes carried out for IA and IB were performed on the 

corresponding bioinks containing cells. Bioink A (BA) and bioink B (BB), containing HeLa cells, 

were analysed through amplitude sweep measurements to evaluate the storage (G’) and loss (G’’) 

moduli and whether the presence of the cells might affect these parameters. Figure 24 reports the 

trend of both storage (G’) and loss (G’’) moduli of the scaffolds obtained with the printing of BA and 

BB after dual (Figure 24 (a,c)) and single crosslinking (Figure 24 b) process, respectively. 

Furthermore, Figure 24 (d,e,f) shows a comparison of the amplitude sweep measurements between 

BA and BB scaffolds with the same UV irradiation treatment. 

Crosslinked BA scaffolds (Figure 24 a), obtained after dual crosslinking process with UV light and 

calcium ions, show ‘gel-like behaviour’, since storage modulus (G’) is always higher than the loss 

one (G’’), and a crossover point, in which G’=G’’ and the materials starts to behave as liquid. In 

particular, BA120Ca shows 200 Pa and 2 Pa for G’ and G’’, respectively, with an LVE range of 3 % 

and a crossover point of 100 %, BA90Ca displays 40 Pa and 7 Pa for G’ and G’’, respectively, 

respectively, with an LVE range of 2 % and a crossover point of 70 %, while BA60Ca shows the 

lowest G’ and G’’ moduli of 30 Pa and 2 Pa, respectively, which is consistent with the time of UV 

irradiation, with an LVE range of 2 % and a crossover point of 100 %. As summarized in Table 9, 

the LVE range increases at higher strain percentage values with the increase of the UV time 

irradiation. This trend can be ascribable to the fact that the higher is the number of crosslinks formed 
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between polymers chains after UV treatment, the higher the LVE range, which defines the ability of 

the materials to withstand deformation without impairing its mechanical properties and maintain a 

‘gel-like’ property.  

 

For what concern the scaffolds obtained from bioink B (BB), which underwent a single photo-

crosslinking process, results are shown in Figure 24 b. All the scaffolds display ‘gel-like’ 

characteristics, as in the case of crosslinked BA scaffolds, with higher values of G’ and G’’ moduli. 

In fact, BB120 displays 1000 Pa and 90 Pa for G’ and G’’, respectively, with an LVE of 14 % and a 

crossover point of 150 %, BB90 shows 120 Pa and 13 Pa for G’ and G’’, respectively, with an LVE 

of 10% and a crossover point of 135 %, while BB60 shows the lowest moduli of 75 Pa and 13 Pa for 

G’ and G’’, respectively, since it experienced the shortest UV duration treatment, and a crossover 

point of 140 %. As summarized in Table 9, the LVE shows higher strain percentage values with the 

increase of the UV time irradiation. As explained above, this trend can be ascribable to the fact that 

the higher is the number of crosslinks formed between polymers chains after UV treatment, the higher 

is the LVE range, which defines the ability of the materials to withstand deformation without 

impairing its mechanical properties and maintain a ‘gel-like’ property.  

 

A dual crosslinking process, involving UV light treatment and ionic crosslinking, were also 

performed on 3D bioprinted bioink B (BB) scaffolds in order to (i) have a comparison with the double 

crosslinked BA scaffolds, (ii) to obtain a wider spectrum of stiffness and to (iii) obtain a stable cell-

laden construct while keeping low the concentration of the photoinitiator, to reduce possible effects 

on the cell viability. Similarly to what obtained with BA and BB scaffolds reported in Figure 23 (a,b), 

double crosslinked BB scaffolds display ‘gel-like’ behavior in which G’ is always higher than G’’ 

and BB120Ca shows the highest moduli (2000 Pa for G’ and 200 Pa for G’’), as shown in Figure 24 

c. As the time of UV decreases, both G’ and G’’ decreases as demonstrated by BB90Ca and BB60Ca 

which display 310 Pa (G’) and 40 Pa (G’’), and 120 Pa (G’) and 20 Pa (G’’), respectively. On the 

contrary, while BA and single crosslinked BB scaffolds show a clear trend of the LVE range and 

crossover points, in the case of the double crosslinked BB scaffolds, only BB60Ca highlights both 

LVE and crossover point, corresponding at 3 % and 150 % of strain, as summarized in Table 10. 

BB90Ca G’ and BB120Ca G’ do not show any plateau in the range of the applied deformation, 

probably due to the fact that the double crosslinking processes increase the number and the entity of 

the crosslinks between chains, which tends to agglomerate with the increase of the applied 

deformation. Then, once the deformation reaches high value, all the entanglements abruptly flow and 

possible inter-chains breakages occur. 
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Table 10. Summary of the storage (G’) and loss (G’’) moduli values of all the 3D bioprinting 

scaffolds produced by using bioink A and bioink B, after the crosslinking processes. 

 Crosslinking post-printing    

3D bioprinted 

scaffold 

UV irradiation 

time 

Time of immersion in 

CaCl2 

G’  

(kPa) 

G’’  

(kPa) 
LVE (%) 

BB120 120 s / 0.900 0.390 14 

BB90 90 s / 0.120 0.013 10 

BB60 60 s / 0.075 0.013 10 

BB120Ca 120 s 5 min 2 0.20 n.d.* 

BB90Ca 90 s 5 min 0.310 0.040 n.d.* 

BB60Ca 60 s 5 min 0.120 0.020 n.d.* 

BA120Ca 120 s 5 min 0.200 0.020 3 

BA90Ca 90 s 5 min 0.041 0.007 2 

BA60Ca 60 s 5 min 0.030 0.002 2 

*n.d.: not detectable 

 

 

From the comparison curves, reported in Figure 24 (d,e,f), it is clear that the double crosslinked BB 

scaffolds always show higher G’ and G’’ moduli with respect to BA and the single crosslinked BB 

ones, thanks to the presence of both ionic crosslinks and the highest number of covalent interchains 

bonds formed in the presence of the highest concentration of photo-initiator. Moreover, it is possible 

to identify a correlation between the LVE ranges and the crossover points (G’ = G’’) parameters of 

BA and single crosslinked BB scaffolds, since the latter, displays a shifting of both parameters at 

higher values of strain with respect to BA scaffolds. These results might be explained considering 

that bioink B contains a higher concentration of Irgacure 2959 (0.25 % (w/v)), than bioink A (0.2 % 

(w/v)) and that, consequently, the formation of covalent crosslinks between acrylate moieties are 

higher than that one formed in the bioink A. In addition, despite BA scaffolds underwent a second 

crosslinking process, they always display lower mechanical properties than BB scaffolds, probably 

because the bond strengths related to the ionic crosslinks formed between AlgMa -OH groups and 

Ca++ ions are weaker than those one provided by covalent crosslinks. For these reasons, a higher 

number of covalent crosslinks in BB scaffolds dominates the sum of both ionic and covalent 

crosslinks in BA scaffolds, ensuring higher viscoelastic properties of the scaffolds, thus higher LVE 

ranges, and higher resistance at deformation before to flow and behave as liquid materials, thus higher 
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crossover points. This correlation is not found for the double crosslinked BB scaffolds probably 

because the strong mechanical properties lead to fragile materials at high deformation applied. 

 

Figure 24. Rheological evaluation of 3D bioprinted bioink A (BA) and bioink B (BB) after (a) dual cross-

linking process with CaCl2 and UV light at 60 sec (BA60Ca, black curve), 90 sec (BA90Ca, green curve), 

120 sec (BA120Ca, red curve) and (b) only photo-crosslinking at 60 sec (BB60, black curve), 90 sec (BB90, 

green curve) and 120 sec (BB 120, red curve) of UV light. Comparison between bioink A and B with different 

crosslinking methods at 60 sec (c), 90 sec (d) and 120 sec (e) of UV light. Storage and loss moduli are 

represented as filled and empty circles, respectively. 
 

 

Finally, by comparing the double crosslinked scaffolds with and without cells obtained from bioink 

A, ink A, bioink B and ink B (Figure 25 (a,b,c,d,e,f)), it is possible to observe that the presence of 

the cells strongly affects the mechanical properties of both AlgMa ink A and ink B. In particular, by 

considering only the G’ moduli, double crosslinked ink A scaffolds (Figure 25 (a,b,c)) decrease the 

G’ moduli from, from 5 kPa to 0.030 kPa for BA60Ca (Figure 25 a), 17 kPa to 0.041 kPa (Figure 25 

a) for BA90Ca and from 21 kPa to 0.2 kPa for BA120Ca (Figure 25 a). The same trend can be 

observed for G’ values of double crosslinked ink B scaffolds. In fact, the G’ decreases from 14 kPa 

to 0.15 kPa for BB60Ca, from 23 kPa to 0.27 kPa for BB90Ca, and from 99 kPa to 1.2 kPa for 

BA120Ca. Table 11 summarizes all the G’ and G’’ of the scaffolds obtained from bioink A/ink A 

and bioink B7ink B, after dual crosslinking process. As a general consideration, after cell loading, 

all the moduli decrease of ca. two orders of magnitude. 
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The decreasing of both G’ and G’’ moduli after cells loading can be explained by considering the 

steric hindrance of the cells themselves, which usually have dimensions around hundred of microns, 

thus several orders of magnitude higher than the ionic or covalent crosslinks establ 

ished between polymer chains. In this way, cells might distance AlgMa chains by reducing the 

statistical probability to interact each other to form crosslinks when in presence of calcium ions or 

when triggered by UV light and photo-initiator. As a consequence, if the number of interactions 

reduces, the number of crosslinks follows the same trend, by leading to a proportional decreasing of 

the mechanical properties. 

 

 

Table 11. Summary of the storage (G’) and loss (G’’) moduli values of the 3D bioprinting scaffolds 

produced by using bioink A and bioink B (colored in yellow), and the corresponding scaffolds not 

containing cells (colored in green), after dual crosslinking processes. 

 

 Crosslinking post-printing   

3D bioprinted 

scaffold 

UV irradiation 

time 

Time of immersion in 

CaCl2 

G’  

(kPa) 

G’’  

(kPa) 

IB120Ca 120 s 5 min 99 16 

IB90Ca 90 s 5 min 23 5 

IB60Ca 60 s 5 min 14 2.8 

BB120Ca 120 s 5 min 2 0.20 

BB90Ca 90 s 5 min 0.310 0.040 

BB60Ca 60 s 5 min 0.120 0.020 

IA120Ca 120 s 5 min 21 7 

IA90Ca 90 s 5 min 17 7 

IA60Ca 60 s 5 min 5 2 

BA120Ca 120 s 5 min 0.200 0.020 

BA90Ca 90 s 5 min 0.041 0.007 

BA60Ca 60 s 5 min 0.030 0.002 
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Figure 25.  Comparison of rheological curves of 3D bioprinted ink A not containing cells (IA) and bioink A 

containing cells (BA) after dual crosslinking process with CaCl2 and UV light at (a) 60 sec (IA60Ca green 

curve and BA60Ca pink curve), 90 sec (IA90Ca green curve and BA90Ca pink curve), 120 sec (IA120Ca 

green curve and BA120Ca pink curve). Comparison of rheological curves of 3D bioprinted ink B not 

containing cells (IB) and bioink B containing cells (BB) after dual crosslinking process with CaCl2 and UV 

light at (a) 60 sec (IB60Ca green curve and BB60Ca pink curve), 90 sec (IB90Ca green curve and BB90Ca 

pink curve), 120 sec (IB120Ca green curve and BB120Ca pink curve). Storage and loss moduli are 

represented as filled and empty circles, respectively. 
 

 

 

In conclusion, from the rheological characterization it is clear that both bioink A and bioink B lead 

to a variety of scaffolds displaying a wide range of stiffness, after single and double crosslinking 

processes. In the case of dual crosslinking, the process was optimized to obtain a stable cell-laden 

construct, by keeping low the concentration of the photoinitiator to avoid adverse effects on cell 

viability. The tuneable mechanical properties obtained, summarized in table 10, can be exploited to 

reproduce pathological, inflammatory or tumor tissues. For this purpose, it is difficult to define a 

univocal value of rigidity of a tissue, whether it is physiological or pathological, due to the intra-

heterogeneity of the real tissues. However, AFM measurements carried out on cancer biopsy 

demonstrated that stiffness of such tissue is described by a bimodal distribution [252]. Breast cancer 

tissue stiffness shows two prominent peaks at 0.57 + 0.16 kPa and 1.99 + 0.73 kPa while healthy 

specimen reveals a unimodal stiffness distribution of 1.13 + 0.78 kPa. In the same study, Plodinec 

et al. [252] showed that the core part of the breast cancer varies from 0 to 20 kPa in only 20µm of 

distance with a well-defined boundary, whether periphery shows a non-homogeneous area. 
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Crosslinking of gelatin methacrylate and collagen-based bioinks 

 

Gelatin methacrylate (GelMa), collagen, and IPN of GelMa and collagen were further crosslinked 

after 3D bioprinting process, to stabilize the structures at incubation condition and to avoid fast 

hydrolysis once in direct contact with cell culture media.  

Rheological analyses provide the best information about the mechanical properties the stiffness, the 

structures, and the general mechanical properties of the scaffolds, which help to monitor the 

crosslinking process and how the mechanical properties change as a function of the crosslinking 

parameters. 

 

Gelatin methacrylate 

GelMa ink and bioink were bioprinted, as explained in detail in the next section, and then were 

crosslinked through a photo-crosslinking process, which involves 1 min of UV irradiation at 50 % of 

UV intensity and 3 cm of distance. This crosslinking condition was optimized after several stability 

tests and evaluation of cell viability, in order to ensure high mechanical performance during time at 

incubation condition by avoiding cell damages, as explained in section 3.2.1.2. 

 

Amplitude Sweep measurements were carried out on GelMa bioprinted scaffolds not containing cells 

to evaluate how elastic and loss moduli are affected by the crosslinking process. The curves were 

obtained by applying a constant oscillation frequency of 5 Hz as a function of the strain (0,1 % - 1000 

%) at 20 °C, since it was chosen as the best printing temperature after many printing tests that were 

conducted simultaneously. Figure 26 a, shows the comparison between uncrosslinked (u-GelMa) and 

crosslinked (c-GelMa) GelMa 5% (w/v) at 20°C. As expected, the mechanical properties increase 

after the crosslinking process and the G’’ peak of c-GelMa appears at lower strain with respect to that 

one of the u-GelMa, which indicates a highly inner connected network provided by the co-presence 

of (i) a substructure formed by the physical crosslinked at 20 °C, and (ii) covalent crosslinks formed 

between acrylate moieties after UV treatment. In table 12, the value of G’ and G’’ moduli along with 

the LVE range are reported, in both u-GelMa and crosslinked c-GelMa at 20°C. As it is evident from 

Figure 26 a, since the value of G’ increased from 80 Pa, for u-GelMa, to 200 Pa, for c-GelMa, while 

G’’ increased from 3.4 Pa to 6 Pa, after crosslinking, it has been proved that the crosslinking with the 

selected conditions successfully provide higher stability during time at 37 °C. On the contrary, LVE 

range displays almost same range from 0.1 % to 50 %. Moreover, the shift of the crossover point at 

lower strain value, from 500% for u-GelMa to 320% for c-GelMa, means that the material displays 

higher rigidity and fragility. 
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Table 12. G’ and G’’ moduli, LVE range and crossover points of c-GelMa and u-GelMa obtained 

through amplitude sweep tests at 20 °C. 

sample LVE (%) G’ (Pa) G’’ (Pa) c. pt. (%) 

c-GelMa 0.1 - 60 200 6 320 

u-GelMa 0.1 - 60 80 3.4 500 

 

To assess if the crosslinking process stabilize the structure during time in incubation condition, a 

temperature sweep measurement was performed in static conditions, with a low and constant value 

of shear rate (0.1 s-1) and of strain (0,1%) from 15 °C to 40 °C, in order to simulate (i) the printing 

temperature (20 °C) and (ii) the incubation temperature (37°C) on the printed scaffolds and 

crosslinked scaffolds. As shown in Figure 25 b, G’ and G'’ moduli display constant trend among the 

overall range of temperature. In particular, G’ maintains the same value of 150 Pa with respect to that 

one obtained from the amplitude sweep test (Figure 26 a) while G’’ shows a decrease from 80 Pa to 

5 Pa. From this result, it is possible to assume that the crosslinking process strongly stabilizes the 

scaffolds at incubation condition and that the mechanical properties do not change during the 

temperature, meaning that the covalent crosslinks dominate the physical interactions. The strong ‘gel-

like’ behavior displayed by c-GelMa at high temperature (37 – 40 °C), means that it is able to support 

cell growth and physical manipulation without dissolving in the culture media. Notice that no 

comparison between u-GelMa and c-GelMa was introduced in Figure 25 b, since u-GelMa at 37 °C 

completely dissolve and spread away from the plate-plate set up of the rheometer, thus making the 

recording of the moduli not relevant. 

 
Figure 26. (a) Comparison of G’ and G’’ moduli, obtained through amplitude sweep tests at a constant angular 

frequency of 5 Hz, between u-GelMa (red curve) and c-GelMa (green curve) at 20°C. Both moduli are plotted 
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as a function of the applied strain from 0,1% to 1000%. (b) G’ and G’’ moduli of c-GelMa obtained through 

temperature sweep from 15 °C to 40 °C (5 °C/min), with angular frequency of 0,1 s-1 and a strain of 0,1%. 

Both moduli are plotted as a function of the duration time (13 min). G’ and G’’ moduli are reported as filled 

squares and empty circles, respectively.  

 

Collagen 

Collagen ink and bioink were bioprinted, as explained in detail in the next section, and then were 

crosslinked through a photo-crosslinking process, by using the same crosslinking procedure used for 

GelMa (1 min of UV irradiation at 50 % of UV intensity and 3 cm of distance), which were defined 

safe for cell growth. Furthermore, this crosslinking condition was replicate for collagen-based 

scaffolds with the aim to maintain fixed the crosslinking parameters among GelMa and collagen 

materials, to only compare cells response and biological activity as a function of the material stiffness 

or chemical nature. Finally, stability tests previously performed (not shown in this Thesis) 

demonstrate that u-coll structures are stable in DMEM based culture media only for 3 days. For this 

reason, in order to more stabilize collagen structures, crosslinking process was performed on collagen 

material without the presence of photo-initiator, by exploiting its inherent ability to self-response to 

UV light. 

In order to evaluate how the crosslinking process, affects the mechanical properties of the collagen, 

rheological characterizations were carried out by comparing both uncrosslinked (u-coll) and 

crosslinked (c-coll) collagen behavior.  

 

Amplitude sweep measurements were carried out to evaluate the viscoelastic properties of c-coll with 

respect to the u-coll one, by applying an increasing strain from 0.1% to 1000%, at a temperature of 

20 ° C. As shown in Figure 27 a, both elastic (G’) and loss (G'’) moduli of c-coll slightly increases 

after the crosslinking process, from 0.4 kPa to 0.6 kPa for G’, and from 0.060 kPa to 0.080 kPa for 

G’’ (Table 12), indicating a growth of the internal substructure due to the higher number of crosslinks 

provided by the UV irradiation. Moreover, c-coll shows a more pronounced G’’ peak, thus confirming 

the presence of crosslinks between polymer chains, while maintaining the crossover point at 50 % 

and the LVE range from 0.1 % to 7 % (see Table 13). 

 

Table 13. G’ and G’’ moduli, LVE range and crossover points of c-GelMa and u-GelMa obtained 

through amplitude sweep tests at 20 °C. 

sample LVE (%) G’ (Pa) G’’ (Pa) c. pt. (%) 

c-coll 0.1 - 7 600 80 50 

u-coll 0.1 - 7 400 60 50 
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In order to assess whether the crosslinking process stabilizes the structure during time in incubation 

condition, temperature sweep measurement was carried out to investigate the viscoelastic behavior 

of collagen as a function of increasing temperature (5 °C/min), at a constant value of angular 

frequency (1 Hz) and strain (0.1 %), simulating static condition. In particular, a ramp of temperature 

from 15 °C to 40 °C was applied, to simulate (i) the printing temperature (20 °C) and (ii) the 

incubation temperature (37°C), after the printing process. From Figure 27 b it is possible to observe 

that, despite an initial decrease of both moduli with increasing temperature, they still remain fairly 

high, with G’ modulus of 550 Pa and G’’ modulus of 80 Pa, at 37°C. This result demonstrates that 

even the weak dependency of the G’ and G’’ moduli on the temperature, the crosslinking process is 

able to provide enough crosslinks to stabilize the structure at 37 °C, over than 1 week. The slight 

decrease of G’ and G’’ at lower temperature might be due to a possible physical interaction and 

hydrogel bond formation between chains that dominate only at very low temperature. On the contrary, 

at incubation temperature, the chemical crosslinks totally determine the ‘gel-like’ behavior of the 

scaffolds, displaying the desired mechanical property. 

 

 
Figure 27. (a) Comparison of G’ and G’’ moduli, obtained through amplitude sweep tests at a constant angular 

frequency of 1 Hz, between u-coll (red curve) and c-coll (green curve) at 20°C. Both moduli are plotted as a 

function of the applied strain from 0,1 % to 1000 %. (b) G’ and G’’ moduli of c-GelMa obtained through 

temperature sweep, from 15 °C to 40 °C, with angular frequency of 0,1 s-1 and a strain of 0,1 %. G’ and G’’ 

moduli are reported as filled squares and empty circles, respectively.  

 

Interpenetrating polymer network  

Interpenetrating polymer network of GelMa 5 % (w/v) and collagen 2.5 % (50:50) was produced in 

order to provide a new artificial ECM, which conjugates both the mechanical stability of the 
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crosslinked GelMa and the high biomimicry of the collagen and that displays intermediate rheological 

properties between GelMa and collagen.  

By definition, an Interpenetrating Polymer Network (IPN) is a polymer comprising two or more 

networks that are at least partially interlaced on a polymer scale but not covalently bonded to each 

other and cannot be separated unless chemical bonds are broken [253]. The two or more networks 

can be envisioned to be entangled in such a way that they are concatenated and cannot be pulled apart, 

but not bonded to each other by any chemical bond. It is important to highlight that simply mixing 

two or more polymers does not create an interpenetrating polymer network, nor does create a polymer 

network out of more than one kind of monomers which are bonded to each other to form one network 

(heteropolymer or copolymer). For this reason, in order to ensure the formation of an IPN, after the 

semi-IPN formulation, which is well explained in the experimental section and in paragraph 3.2.1., a 

post-printing crosslinking process was carried out through UV irradiation.  

In particular, in the semi-IPN matrix, collagen is covalently crosslinked in the presence of GelMa 

without the presence of the photo-initiator, to avoid as much as possible secondary crosslinking 

reaction between collagen and GelMa; then, once the covalent bonds between collagen chains 

intercalated on GelMa ones are formed, a second photo-crosslinking process must be performed, in 

the presence of the photo-initiator Irgacure 2959, to ensure chemical linkages between the acrylate 

moieties of the GelMa chains, which can be established only if triggered by a radical photo-initiator. 

At this purpose, with the aim to quickly assess the formation of the IPN, thus the crosslinks between 

collagen chains and not between collagen and GelMa, GelMa was firstly crosslinked in the presence 

of c-coll with UV light but without the presence of photo-initiator and the sample was incubated at 

37 °C to qualitatively observed the result. After 3 min of incubation, it is clear that GelMa starts to 

dissolve in the phosphate buffer solution, which was employed to immerge the scaffold and carry out 

the experiment, while collagen still maintains its structure by displaying highly porosity in the zones 

where GelMa was intercalated. However, further rheological and morphological characterizations are 

needed to assess the IPN formation and to exclude the formation of GelMa-collagen covalent bonds. 

 

Amplitude sweep measurements were carried out to evaluate the viscoelastic properties of IPN with 

respect to the semi-IPN one, by applying an increasing strain from 0.1% to 1000%, at a temperature 

of 20 ° C. As shown in figure 28 a, both elastic (G’) and loss (G'’) moduli of IPN increases after the 

crosslinking process, from 0.3 kPa to 4 kPa for G’, and from 0.026 kPa to 0.26 kPa for G’’ (Table 

13), indicating a growth of the internal substructure due to the higher number of crosslinks provided 

by the UV irradiation. Moreover, IPN shows a shorter range of LVE, from 0.1 % to 3 %, and shifted 

crossover point at lower strain value (70 %), while semi-IPN displays an LVE range from 0.1 % to 
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30 % (see Table 14). These trends can be ascribable to the fact that IPN after crosslinking process 

display higher fragility, thus less viscoelastic property. Finally, in the IPN sample, G’’ peak start to 

appears at lower strain deformation, by following the same trend displayed by c-GelMa (Figure 28 

b), thus meaning that the photo-crosslinking process after the bioprinting, forms covalent bonds 

between the acrylate groups branched on the GelMa chains.  

 

Table 14. G’ and G’’ moduli, LVE range and crossover points of semi-IPN and IPN obtained through 

amplitude sweep tests at 20 °C. 

sample LVE (%) G’ (Pa) G’’ (Pa) c. pt. (%) 

IPN 0.1 - 4 4000 260 70 

semi-IPN 0.1 - 60 300 26 100 

 

 

In order to assess whether the crosslinking process stabilizes the structure during time in incubation 

condition, temperature sweep measurement was carried out to investigate the viscoelastic behavior 

of collagen as a function of increasing temperature (5 °C/min), at a constant value of angular 

frequency (1 Hz) and strain (0.1 %), simulating static condition. In particular, a ramp of temperature 

from 15 °C to 40 °C was applied, in order to simulate (i) the printing temperature (20 °C) and (ii) the 

incubation temperature (37°C), after the printing process. From Figure 28 c it is possible to observe 

that, both G’ and G’’ display constant values of 3600 Pa and 300 Pa, respectively, during the whole 

temperature ramp and show slightly decrease mechanical properties with respect to the amplitude 

sweep analysis acquired at 20 °C (Figure 28 a), meaning that, even in this case, the crosslinking 

process provides enough crosslinks to stabilize the structure at 37 °C. 
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Figure 28. (a) Comparison of G’ and G’’ moduli, obtained through amplitude sweep tests at a constant angular 

frequency of 1 Hz, between IPN (red curve) and semi-IPN (green curve) at 20°C. Both moduli are plotted as 

a function of the applied strain from 0,1 % to 1000 %. (b) Comparison between IPN (black curve) and c-GelMa 

(green curve) G’ and G’’ moduli obtained through temperature sweep at 20 °C. (c) IPN G’ and G’’ moduli 

plotted against a ramp temperature from 15 °C to 40 °C (5 °C/min), obtained with a temperature sweep test 

with angular frequency of 0,1 s-1 and a strain of 0,1 %. G’ and G’’ moduli are reported as filled squares and 

empty circles, respectively.  
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3.3. DEVELOPMENT OF 3D BIOPRINTED PLATFORM WITH STIFFNESS GRADIENT 

 

In this Thesis, AlgMa-based bioinks were employed to produce a cell-laden polymeric platform with 

tailored mechanical properties and gradient stiffness, which aims to replicate physiologically-like 

gradient of both healthy and pathological tissues useful for studying the correlation between 

extracellular matrix (ECM) mechanical/chemical properties and cell spheroids behaviour 

(mechanobiology). In order to create the cell-laden platform, HeLa cells were used as model cell line 

and were loaded into the modified alginate-based bioink.  

 

The importance of a gradient is mainly related to structural and dynamical properties, which influence 

molecular diffusion, generate concentration gradients of the soluble factors, and mediate cell response 

to external mechanical inputs [254,255]. The fabrication of well-defined 3D architectures is a big 

challenge and requires not only a precise formulation of the components that constitute cell 

microenvironment, but also the control of several physico-chemical properties such as stiffness and 

nano-porosity, of grow-factor binding and matrix degradation properties [58].  The stiffness of 

extracellular matrix is recognized to play a key role in the regulation of cell behaviour; the external 

mechanical inputs are transduced in cellular systems into molecular outputs (i.e., transcriptional 

programs, differential spatial organisation of cell molecular determinants) that drive tumour 

progression [22], epithelial mesenchymal transition/aggressiveness [256], genomic variation [257], 

invasion [258], metastatization [259] and chemoresistance [23]. A reduction in the stiffness of the 

cancer cell niche promotes reversible cellular quiescence (dormancy), while increases in 

environmental stiffness might facilitate reactivation of dormant cell [23]. Tumorigenic tissues are 

considerably stiffer and have a Young’s modulus of one or two orders of magnitude greater than 

normal tissue, depending on the type of tissue and lesion size [24,25]. Furthermore, cancer tissues are 

not homogeneous but present an intratumor heterogeneity, stiffness increase from the periphery to 

the core of the solid tumours [26,27]. This enhanced stiffness and its heterogeneity make complex to 

study the mechanism of carcinogenicity in standard in vitro models that do not recapitulate the reality 

of human physiologic and pathologic tissues. Therefore, the development of smart biomaterials that 

recapitulate the physico-chemical characteristics found in the microenvironment of the tumor, will 

enable more realistic in vitro studies and a better comprehension of cancer mechanisms, which is 

fundamental to develop new strategies to fight tumor onset, development, and relapse.  

In several studies, alginate methacrylate was chosen as a good candidate to support cell growth in 3D 

constructs, thanks to its high biocompatibility, ability to form hydrogel under mild conditions, and 
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the possibility to modify and tune its biological and mechanical proprieties [19,20]. Furthermore, the 

absence of ECM proteins, makes easier the detection of ECM produced by cells themselves. 

 

3.3.1. 3D bioprinting  

 

To evaluate the biocompatibility of AlgMa BA and BB bionks, circular cell-laden scaffolds were 

obtained through 3D bioprinting, with 5 mm and 1 mm of diameter (Ø) and height (h), respectively. 

After bioprinting, both single and double crosslinking processes were carried out on the sample, to 

obtain stable construct with tailored mechanical properties in the desired range of stiffness. The 

bioprinting speed and the conical needle were selected thanks to the deep rheological characterization 

carried out, which enabled to correlate rheological parameters with bioprinting process. In particular, 

10 mm s−1 and 0.4 mm (22 G) were chosen as the final bioprinting speed and nozzle diameter, 

respectively, to get a continuous and well-defined filament extrusion. In this context, flow curves 

represent a powerful tool to predict and suggest the best bioprinting condition to use, since they can 

exactly simulate what happens to a material during the extrusion moment and provide, at the same 

time, viscosity vs. shear rate outcomes, that contains the information needed.  In fact, from the flow 

curve, shear stress vs. shear rate, it is possible to evaluate the flow point of a material, which 

corresponds to the point where the change of the slope occurs. After this point, the chains (represented 

as layers of randomly packed macromolecules) are not able to contrast the rotational movements, thus 

start to flow [197]. In the practice, this situation indicatively corresponds to the moment of materials 

extrusion outside the needle. In the specific case of AlgMa inks, by analyzing the rheological results 

of AlgMa inks, explained in the previous section and reported in Figure 22, it is possible to detect the 

flow point at around 150 s-1, thus corresponding at a bioprinting speed of 10 mm/s, calculated by 

using the equation 1, 2, 3, 4 and 5. Furthermore, even the selection of the nozzle can be evaluated 

through these equations, since it is directly proportional to the flow speed which is indicated as V in 

equation 1. 

Finally, BA bioink was employed to produce the gradient stiffness platform, by using the same 

bioprinting parameters explained above and a “fortune cookie”-like shape was chosen as model, to 

promptly distinguish the different regions during all the experimental phases (Figure 29 b). The 

fortune cookie shape also enabled to determine the boundaries of the regions characterized by 

different stiffness and to easily examine cells in a specific area. After the bioprinting, post 

crosslinking process was performed on three different areas by using a UV-shielding mask that 

allowed UV light to pass only throughout a selected portion of the fortune cookie, in order to get 
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differential stiffness (Figure 29 (a-d)). Thanks to this strategy the stiffness is tailored by exposing the 

construct to different times of UV treatment, which can be spatially controlled.  

 

 

 

Figure 29. CAD model of cell-laden ‘fortune-cookie’; (b) Bioprinting process of the cell-laden ‘fortune-

cookie’ platform; (c) UV irradiation processes to obtain a gradient stiffness platform; (d) Schematic 

representation of the gradient stiffness platform. 

 

3.3.2. Biological results 

 

HeLa cells survival was first evaluated after 3 days (T3) of culture by using a live/dead assay with 

calcein-AM and propidium iodide (see experimental section for more details). Double crosslinked 

BA scaffolds and both single and double crosslinked BB scaffolds were considered for this analysis. 

In particular, 90 s of UV exposure time was considered and discussed in this section to quickly 

evaluate how the stiffness of the matrix can affect cell behavior, by maintaining fixed the UV 

irradiation time. The results, reported in Figure 29 d, show different viability ranges as a function of 

bioink and scaffold characteristics. In particular, BA90Ca (Figure 30 a), which is characterized by 

the lowest stiffness of 41 Pa, shows 79 ± 8 % of viability, BB90 (Figure 30 b), which display an 

intermediate value of stiffness (120 Pa), display 52 ± 7 % of viability, while BB90Ca (Figure 30 c) 

scaffolds display the highest stiffness of 270 Pa and the lowest cell viability of 27 ± 11 % (Table 15 

summarize all the results). From these results, it is possible to assess that cell viability strongly 

depends on matrix stiffness, as reported by BB90 and BB90Ca, in which the concentration of I2959 

and the UV irradiation time are constant. The increase of the mechanical properties is only related to 

the second step of post printing crosslinking process, in the case of BB90Ca, which should not affect 

cell viability since it is widely used as crosslinking method with alginate-based scaffolds and HeLa 

cells [260]. Similarly, the decreases of viability from BA90Ca to BB90Ca scaffolds, might be caused 
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by (i) the strong increase of the stiffness of one order of magnitude, from 41 Pa for BA90Ca to 270 

Pa for BB90Ca, and (ii) the increase of I2959 concentration contained in the corresponding bioinks 

formulation, from 0.2 %, for BA90Ca, to 0.25 %, for BB90Ca. However, since many works report 

the use of similar concentration of I2959 in the presence of HeLa cells [261-264], the significant 

decreases of cell viability registered for BA90Ca and BB90Ca might be ascribable mainly to the 

strong increase of the mechanical properties. 

 

 
Figure 30. Live/dead analysis on 3D bioprinted constructs obtained by using (a) bioink A (BA) followed by 

dual-crosslinking process with CaCl2 and 90 sec of UV treatment (BA90Ca), (b) bioink B (BB) followed by 

only 90 s of UV treatment (BB90) and (c) bioink B (BB) followed by dual-crosslinking process with CaCl2 and 

90 sec of UV treatment (BB90Ca). Live cells (green) and dead cells (red) are stained with calcein and PI 

respectively. Cell viability was measured after 72h in incubation. d) Percentages of cell viability in BA90Ca 

(left column), BB90 (center column) and BB90Ca (right column) 3D bioprinted scaffolds. 
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Table 15. Comparison between cell viability and storage modulus G’of BA90Ca, BB90 and BB90Ca 

bioprinted models.                                                                                      

Bioprinted model Cell viability %* G’ (Pa) 

BA90Ca 79 ± 8 41 

BB90 52 ± 7 120 

BB90Ca 27 ± 11 270 

*cell viability evaluated at day 3. 

 

Thanks to the higher cell viability displayed by BA90Ca scaffold, bioink A was selected as the final 

bioink to fabricate the gradient stiffness platform with tailored mechanical properties. Firstly, cell 

viability tests were also performed on BA60Ca and BA120Ca, after dual crosslinking process, in 

order to assess cell survival in three different matrices stiffness. As reported in Table 16 and in Figure 

31, HeLa cells embedded in BA60Ca, BA90Ca, and BA120Ca scaffolds show 79 ± 8 %, 79 ± 8 %, 

and 60 ± 12 % of viability, respectively. By comparing these results, it is possible to observe that 

viability decreases when the stiffness increases of one order of magnitude from BA60/90Ca to 

BA120Ca, as also reported in the previous Table 16 between BB90 and BB90Ca in which the time 

of UV irradiation and the I2959 concentration are constant. For this reason, it is reasonable to think 

that the cell viability strongly depends on the mechanical properties of the matrix and that, only in 

part, UV irradiation time might affect cell survival.  

 

Table 16. Comparison between cell viability and storage modulus G’ of BA60Ca, BA90Ca and 

BA120Ca bioprinted models.                                                                                      

Bioprinted model Cell viability %* G’ (Pa) 

BA60Ca 79 ± 8 200 

BA900Ca 79 ± 8 41 

BA120Ca 52 ± 7 30 

*cell viability evaluated at day 3. 
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Figure 31. Live cells (green) and dead cells (red) stained in bioink A cell-laden scaffolds after dual cross-

linking procedure with CaCl2 and (a) 60 sec (BA60Ca), (b) 90sec (BA90Ca) and (c) 120 sec (BA120Ca) of 

UV light. (d) Percentages of cell viability in BA60Ca (left column), BA90Ca (centre column) and BA120Ca 

(right column) 3D bioprinted scaffolds. 

 

 

To have a complete screening of the correlation between I2959 concentration, matrix stiffness, UV 

irradiation time and cell behavior, live/dead assays were also performed on the remaining BA and BB 

scaffolds as summarized in Table 17. Data show that scaffolds realized using Bioink A, which 

experienced a double crosslinking process and contain less percentage of I2959 (0.2 %), display 

higher cell viability than samples obtained from Bioink B, which display higher mechanical 

properties and concentration of I2959. In particular, BB60Ca, BB90Ca, and BB120Ca scaffolds, 

which have experienced both UV curing and calcium chloride crosslinking, show higher mortality in 

comparison with samples made using the same bioink but crosslinked only via UV curing. As a 

general consideration, it is possible to assess that cell viability decreases (i) with the increasing of the 

mechanical properties and UV irradiation time, at fixed concentration of I2959 (as in the case of 

BB120, BB90, BB60, BB120Ca, BB90Ca, and BB60Ca), (ii) with the increasing of the stiffness after 

ionic crosslinking, at fixed concentration of I2959 and UV time (as in the case of the comparison 
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between BB120-BB120Ca, BB90-BB90Ca and BB60-BB60Ca) and (iii) with the increasing of both 

I2959 concentration and mechanical properties, at fixed UV time and ionic crosslinking process (as 

in the case of the comparison between BA120Ca-BB120Ca, BA90Ca-BB90Ca and BA60Ca-

BB60Ca), thus meaning that the stiffness of the matrix, thus the high compression experienced from 

the cells, has the most significant effect on the cell behavior and proliferation, even if the mechanical 

moduli match the stiffness of the native-tissues [252]. 

 

Table 17. Cell viability percentage and the stiffness (storage modulus, Pa) of all the scaffolds 

obtained from BA and BB after (i) printing process and after (ii) single and dual crosslinking. 

 Crosslinking post-printing   

3D bioprinted 

scaffold 

UV irradiation 

time 

Time of immersion in 

CaCl2 

G’  

(kPa) 

Cell 

viability* 

BB120 120 s / 0.900 43 ± 7 

BB90 90 s / 0.120 52 ± 7 

BB60 60 s / 0.075 58 ± 7 

BB120Ca 120 s 5 min 2 28 ± 17 

BB90Ca 90 s 5 min 0.310 27 ± 11 

BB60Ca 60 s 5 min 0.120 60 ± 5 

BA120Ca 120 s 5 min 0.200 52 ± 7 

BA90Ca 90 s 5 min 0.041 79 ± 8 

BA60Ca 60 s 5 min 0.030 79 ± 8 

*evaluated after 3 days of incubation 

 

Finally, HeLa cell-laden bioprinted platform with ‘fortune-cookie’-like shape was successfully 

fabricated, as reported in Figure 32 e, by using bioink A, due to its higher bioactivity reported. Thanks 

to the optimized dual crosslinking post-printing process, the platform displayed high mechanical 

stability up to 14 days. HeLa cells embedded in the structure experienced different external forces 

provided by the different mechanical properties of the matrix. In particular, as reported in Figure 32 

(a-e), the stiffness increases from the left side to the right side from 200 Pa (120 s of UV) to 30 Pa 

(60 s of UV), and cell viability follow the same trend after 3 days of incubation, as summarized in 

Table 17. Live-dead assays directly performed on the platform after 14 days of incubation (Figure 

32), show a decrease of cell viabilities with respect to those one obtained after 3 days of incubation, 

displaying 69 ± 12 %, 59 ± 18 % and 30 ± 10 % percentage of cell viability in the regions treated at 
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60 s, 90 s and 120 s of UV, respectively. These results demonstrate that matrices stiffness strongly 

influence cell behaviour during incubation and that this platform can be useful to examine cell 

behaviour in correlation to the mechanical properties. Many papers demonstrate the effects of the 

matrix stiffness on the cell pathway [15,34,265-256], which are consistent with the results obtained 

in these experiments, but only few works deeply analyse also the effect of the photo-initiator 

concentration and the crosslinking parameters on cell behaviour [266-268]. 

 

 
Figure 32. Live cells (green) and dead cells (red) stained in the fortune cookie construct cultured up to 14 

days. Crosslinking was obtained with (a) 60 sec (BA60Ca), (b) 90sec (BA90Ca) and (c) 120 sec (BA120Ca) 

of irradiation with UV light. (d) 3D plot of a portion of the fortune cookie. (e) Schematic representation of the 

differential stiffness area and their boundaries within the overall 3D structure. (f) Percentage of viability of 

cells in each area. 

 

3.3.3. Conclusions 

 

In conclusion, a cell-laden stiffness gradient platform was successfully obtained by 3D bioprinting, 

thanks to a post-printing dual crosslinking process. This method was developed to overcome 

limitations related to the low cells viabilities induced by extended UV irradiation or weak mechanical 

proprieties inherent to constructs fabrication [269,270]. In this case, dual crosslinking processes were 

optimized to obtain a stable cell-laden construct while keeping low the concentration of the 

photoinitiator and therefore without adversely affecting cell viability. Since HeLa cells viability could 

be very high, by reaching percentage around 95% in a gelatin/alginate/fibrinogen bioink [48], Bioink 
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A formulation was selected to fabricate the entire platform thanks to its better bioactivity with respect 

to Bioink B. Furthermore, by employing the strategy illustrated in this Thesis, it is possible to replicate 

in one printing process, a well-defined structure with the desired mechanical properties reproducing 

the native stiffness of certain tissues, their variability, and even the characteristics of the boundaries 

between different regions. Furthermore, by tuning the duration of UV irradiation is possible to obtain 

a differential stiffness platform recapitulating the stiffness heterogeneity of the tissue from the 

periphery to the core. In general, physiological and pathological situations can be easily mimicked: 

e.g. bioink B dual crosslinked shows a stiffness that range from physiological to pathological tissue 

(according to the UV curing times), while bioink A dual crosslinked shows a stiffness able to mimic 

softer tissue areas. Finally, this platform represents a model which aims to provide a useful, practical 

and easy to manage in vitro tool that enables important studies on cancer mechanisms, which are 

strictly correlated with their mechanical properties and intratumor heterogeneity. Moreover, the 

possibility to introduce growth factor, bioactive molecules, and other types of cells, depending on the 

targeted tissue, make this model versatile and adaptable at different systems. 
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3.4. PROOF OF CONCEPT OF 3D BIOPRINTED INTESTINAL BARRIER 

 

The intestinal barrier is one of the most studied tissue, especially to evaluate some nutrients and drugs 

absorption. 2D intestinal barrier cannot replicate the main biological function of the native tissue, 

thus 3D bioprinted models might provide a great improvement on the replication of the 3D 

environment and the stratification of this tissue, which are fundamental characteristics to take into 

account during drug testing. Many efforts were performed to create a 3D bioprinted intestinal barrier 

with physiologically-like hierarchical architecture and cells composition, however, the recapitulation 

of this tissue still remains challenging due to the highly complex structure of intestinal villus and 

cellular composition. The models reported in the literature, usually involve only a single cell type, 

the use of material that is not found in the ECM of the tissue, and therefore they do not reproduce the 

real stiffness of the tissue. 

Collagen is the main constituent of the intestinal barrier and typically is located below the epithelial 

layer. It acts as supporting layer of the epithelial cells and provides mechanical stability regulating 

also cell signaling. For this reason, the collagen bioink formulation developed during this Thesis was 

employed to achieve a ‘proof of concept’ of intestinal barrier with the aim to reproduce the native 

collagen layer and evaluate its performance during time and in contact with living components, which 

usually modify the characteristic of the materials. Furthermore, GelMa-based bioinks and semi-IPN-

based bioink were additionally employed as matrices to create intestinal barrier, in order to compare 

cell behavior, growth, proliferation, and protein expression as a function of different mechanical 

properties and chemical composition of the external environment. GelMa bioink was selected since 

it is a ‘gold standard’ in this field, and its bioactivity and biocompatibility are deeply reported in the 

literature [167,271,272], while semi-IPN was employed thanks to its intermediate mechanical 

properties between collagen and GelMa bioinks and multiple chemical composition. 

Finally, multiple cell types were employed to increase the complexity of the system and provide a 

more realistic model. 

 

3.4.1. 3D bioprinting  

 

3D bioprinting of intestinal barrier model consists of multiple steps in which GelMa, collagen, and 

semi-IPN based bioinks, and the corresponding inks not containing cells, were printed in a 

multilayered structure to simulate the physiologically-like conditions. 
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In particular, a good replication of the intestinal structure should include the fundamental layers of 

the tissue which are (i) the submucosa, mainly composed of fibroblast and human umbilical 

vascularized endothelial (HUVEC), (ii) the lamina propria, mainly composed of macrophages and 

white cells, (iii) the epithelial layers, which is the outermost external layer and it both drives and 

regulate the absorption of substances. For this reason, to obtain a full representation of the main 

components of the intestinal tissue, submucosa, lamina propria, and epithelial monolayer were 

printed, by including in the submucosa layer fibroblasts cells and in the external layer intestinal 

epithelial cells. 

 

Firstly, GelMa bioink containing human intestinal fibroblast, labeled as GelMa bioink HIF (GBHIF), 

collagen bioink containing human intestinal fibroblast, labeled as Collagen bioink HIF (CBHIF), and 

semi-IPN bioink containing human intestinal fibroblast, labeled as semi-IPN bioink HIF (SBHIF), 

were separately printed inside 24-multiwell to form circular shape geometry (1.5 mm of thickness 

and 1 cm of width), schematically represented in Figure 33. The dimension of the model was deeply 

evaluated by also considering the native thickness of the intestinal layers which range from 2 to 3 

mm [77]. In fact, the advantage of using 3D bioprinting is also the possibility to simulate the 

physiologic dimension of the tissue structure which strongly influences drug absorption. Then, in the 

same printing process, a second layer of 0.4 mm, representing the lamina propria, was printed by the 

second cartridge onto the previous basal layer with the corresponding inks not containing cell, thus 

GelMa ink (GI), Collagen ink (CI), and semi-IPN bioink (SI). This layer remains empty within all 

the structure, in order to reduce the number of living components in the scaffolds and decrease the 

number of uncontrollable variables. Finally, the third layer, reproducing the epithelial monolayer, has 

been fabricated through a manual seeding of human intestinal epithelial cells (HTCs-8), onto the 

surface of the printed scaffolds. This layer was introduced manually in the in vitro system, since in 

the native intestinal structure epithelial cells are not embedded inside ECM and form a thin epithelial 

coat that assumes villi-like shape. A schematic representation of the bioprinting process is reported 

in Figure 33 (a,b). 
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Figure 33. (a) Schematic representation of bioprinting process of semi-IPN, collagen and GelMa-based 

models, containing HIFs and HSFs, with shape (B) by using REG4LIFE bioprinter. (b) Schematic 

representation of HCTs-8 manual seeding onto GelMa, collagen and IPN-based 3D models. 

 

 

 

After the printing and photo-crosslinking processes, cell viability, cell proliferation, 

immunofluorescence, and immunohistochemistry were evaluated to assess the model functionalities 

and performance.  

 

3.4.2. Biological results 

 

Firstly, cell viabilities of human intestinal fibroblasts both embedded in GelMa, collagen, and semi-

IPN based bioinks and in 2D cell cultures were evaluated to define cell culture media, matrix 

biocompatibility, and cell proliferation. Live/dead of HIFs were evaluated in 3D conditions through 

the staining with calcein/propinium iodide, as explained in detail in the experimental section. Figure 

34 a shows confocal images of HIFs embedded in c-coll (crosslinked collagen) matrix, as example, 

during time after 1 h until 21 days of incubation time. As it is clear from the images, cells perfectly 

survive to the bioprinting process and few dead cells are reported at 21 days of incubation, thus the 

viability decrease from 100 % to 95 % during the whole experiment. Furthermore, from day 1 to day 

21, fibroblasts maintain a rounded shape, mostly occupied from the nucleus of the cell but, at day 21, 

the formation of short filaments occurs at the periphery of the cells nuclei. However, from the 

confocal images, cell proliferation seems to decrease, since the images reported in Figure X are 
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representative of the number of cells found in the entire 3D bioprinted scaffold. By comparing the 

behavior of HIFs in 3D condition with that one in 2D cell culture reported in Figure 34 b, it is clear 

that even in 2D multiwell cells slowly proliferate and do not reach the confluences expected, meaning 

that the collagen matrix only influences the cells morphology and that cell proliferation is strongly 

altered and slow even in 2D condition, because of inherent characteristics of this kind of cell line 

(CCD-18 cell line).  

 

 

 
Figure 34. (a) Confocal images of HIFs embedded in c-coll obtained through live/dead staining, after 1day, 

7days, 14 days and 21 days of incubation. (b) Optical images of HIFs in 2D conditions at 7 days, 14 days and 

21 days. 

 

 

Cell proliferation assays through alamar blue were also performed to quantitively evaluate HIFs 

growth in DMEM-based cell culture medium and in 2D conditions. From Figure 35, which reports 

the normalized cell proliferation (RFU) against the duration time of the experiment, it is evident that 

the cell proliferation does not increase during time, as expected, but show a random behavior, thus 

confirming what observed in the optical images in Figure 34 b. Moreover, on day 1, HIFs show less 

than 3.5 RFU while on day 21 the RFU decrease until 1.5 RFU, which are low value of RFU to carry 

out statistically and relevant experiments. For this reason, the use of HIFs was excluded for the 
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fabrication of the ‘proof of concept’ intestinal barrier model, since they require long time of cell 

cultivation in both 2D and 3D conditions. 

 

 

 
Figure 35. Cell proliferation of HIFs in 2D conditions carried out by Alamar blue assay after 1 day, 7 days, 

14 days and 21 days of incubation. 

 

 

For this reason, Human skin fibroblasts (HSFs) patient-derived were employed to create the cell-

laden submucosa layer by separately printing GelMa bioink containing human skin fibroblast, labeled 

as GelMa bioink HSF (GBHSF), collagen bioink containing human skin fibroblast, labeled as 

Collagen bioink HSF (CBHsF), and semi-IPN bioink containing human skin fibroblast, labeled as 

semi-IPN bioink HSF (SBHSF), inside 24-multiwell to form circular shape geometry as already 

described above and represented in Figure 33 a. Then, in the second step of printing, the 

corresponding inks not containing cells, were deposited onto the submucosa layer to form the so-

called lamina propria. UV treatment (50 % of UV intensity, 3 cm of distance, 1 min of irradiation 

time) was performed on the scaffolds in order to provide the covalent crosslinks and the optimal 

mechanical stability (Figure 33 b). Finally, human epithelial cells (HTC-8) tumor-derived were 

manually seeded onto the surfaces of the models to build the outermost epithelial monolayer (Figure 

34 b). 

 

Before the fabrication of the complete structured 3D intestinal models, different cell culture media 

and UV irradiation time were tested to assess (i) the best condition to cultivate two different types of 

cells, which usually grow in different culture media, in the same cell medium and (ii) the possible 

effects of UV treatment on HSFs, which are the only ones the experienced contact with UV light. In 
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particular, 1 min (green bars) and 2 min (yellow bars) of UV light treatment (50 % of intensity and 3 

cm of distance) were tested on 2D HSFs, in the presence of 0.1 % of I2959, in order to evaluate 

possible effects on cell culture. As shown in Figure 36 a, 2 min of UV light strongly decreases cell 

proliferation with respect to 1 min. In fact, on day 1 and day 21, for instance, HSFs show 2 and 13 

RFU, after 2 min of UV treatment, and 4 and 39 RFU after 1 min only. For this reason, 1 min of UV 

treatment was selected as the best UV duration time to both (i) provide the suitable mechanical 

properties to support cell growth, as already explained and demonstrated in section 3.2.2., and (ii) 

preserve as much as possible cell health. Once the UV irradiation time was optimized, the second 

important aspect to evaluate is the selection of the suitable cell culture media to cultivate both 

epithelial and fibroblast cells in the same structure. Epithelial cells perfectly grow in RPMI 1640-

based medium supplemented with horse serum (HS), while fibroblasts mainly grow in DMEM-based 

medium supplemented with fetal bovine serum (FBS). For this reason, several cell culture media 

mixtures were produced to evaluate the right components of the final formulation and, from 

qualitative observation at the confocal microscope and cell proliferation assay, it was evident that 

HTCs-8 can grow only in RPMI-based medium in the presence of HS, while fibroblast better support 

the change of the primary component, from DMEM to RPMI 1640, and the presence of HS in addition 

to FBS. In fact, as reported in Figure 36 b, 2D fibroblasts after 1 min of UV treatment better grow in 

the original DMEM-based media (orange bars) even when HS is added to the medium, displaying an 

increased proliferation rate from 1 RFU at day 1 to 13 RFU at day 21, while when the medium 

formulation is changed with RPMI 1640 (blue bars) and supplemented with both 5 % of HA and 5 % 

of FBS, cell proliferation slightly decreases from 1 RFU at day 1 to 7 RFU at day 21. RPMI 1640 in 

the co-presence of 5 % of FBS and 5 % of HS was the final optimal formulation to grow both HSFs 

and HTCs-8, which show greater cell proliferation rate with respect to HSFs thanks to the presence 

of the RPMI (Figure 36 c). In fact, cell proliferation rate of HTCs-8 increases from 8 at day 1 until 

22 RFU at day 21. 

 

 
Figure 36. (a) Cell proliferation of 2D human skin fibroblasts (HSFs) after 2 min (yellow bars) and 1 min 

(green bars) of UV treatments at days 1, 7, 14 and 21 of incubation. (b) Cell proliferation of 2D human skin 

fibroblasts (HSFs) in DMEM (orange bars) and RPMI-based (blue bars) cell culture media at days 1, 7, 14 and 
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21 of incubation after 1 min of UV treatment. (c) Cell proliferation of 2D human intestinal epithelial cells 

(HCTs-8) in RPMI-based media at day 7, 14 and 21 of incubation. 

 

 

At this point, once both UV irradiation time and cell culture media were optimized, 3D bioprinting 

of multi-layered intestinal barriers were carried out as described above and schematically represented 

in Figure 33 (a,b). 

HSFs cell viabilities embedded in GelMa bioink (GBHSF), Collagen bioink (CBHsF), and semi-IPN 

bioink (SBHSF), were evaluated after the printing process and photo-crosslinking through live/dead 

assays. Figure 37 a reports a comparison of the confocal images of HSFs inside all the bioinks at day 

1, 7, 14 and 21 of incubation. From the results, HSFs show a clear change of morphology from day 1 

to day 21 of incubation in all the matrixes and high cell viability percentage (98 %) during the whole 

experiments. As highlighted from Figure 37 a and Figure 37 b, HSFs display more elongated shape 

at 21 days in GelMa matrix with respect to collagen and IPN one. This behavior might be a 

consequence of the different mechanical properties experienced from the cells inside the matrixes. In 

fact, as reported in section 3.2.2., GelMa (c-GelMa) displays the lowest stiffness (0.2 kPa), collagen 

(c-coll) shows an intermediate value between GelMa and IPN (0.6 kPa), while IPN shows the highest 

modulus (4 kPa) after photo-crosslinking process. For this reason, HSFs recognize weaker external 

forces in GelMa-based scaffolds, thus they retain the ability to form elongations and spiral orientation 

through the matrix as in 2D condition (Figure 37 c), where cells appear flatter with pronounced 

filaments. On the contrary, HSFs inside crosslinked collagen and IPN display rounder shape with 

minor formation of peripherical filaments. Furthermore, HSFs in c-coll and IPN do not assume spiral 

orientation as observed in GelMa environment. This change of morphology and spatial organization 

might be due, even in this case, to the different external forces experienced from the cells and 

provided by the different stiffness of the matrix. In fact, it is reasonable to think that inside a stiffer 

matrix, the degree of crosslinking and the number of covalent linkages is significant and higher with 

respect to matrices with lower mechanical properties, thus, as a consequence, porosity and the inter-

chains space decrease, making more difficult for HSFs to making their way among polymer chains 

to form elongations. Different works confirm that fibroblasts elongations and shape are strictly 

influenced by the matrix stiffness, and that the higher is the matrix stiffness the more elongated is the 

cell morphology [14,273,274]. 
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Figure 37. (a) Merge of live, dead and nuclei confocal images of HSFs embedded in c-GelMa (green panel), 

c-coll (orange panel) and IPN-based (blue panel) scaffolds obtained through live/dead staining, after 1day, 

7days, 14 days and 21 days of incubation. (b) Optical images of HSFs in c-GelMa matrix at 7 days, 14 days 

and 21 days of incubation. Only HSFs in GelMa are reported since GelMa is the only transparent matrix which 

enable the observation of cell growth at confocal microscope. (c) Optical images of HSFs in 2D conditions at 

7 days of incubation. 

 

 

Cell viabilities of human intestinal epithelial cells (HCTs-8) were also evaluated through live/dead 

assay at days 7, 14, and 21 of incubation and the corresponding confocal images were reported in 

Figure 38 a directly as the merge between live cells, dead cells, and nuclei, previously stained with 

calcein-AM, propidium iodide, and DAPI, respectively. HCTs-8 cell morphology and growth onto 

3D models was also compared with that in 2D condition, reported in Figure 38 b. 

Confocal images demonstrate that HCTs-8 grow onto the surface of 3D models, starting from isolated 

rounded cells until to spontaneously form packed columns that resemble villi-like shape as shown at 

21 days both in 3D that in 2D (Figure 38 (a,b)). Furthermore, 100 % of cell viability is preserved 

from day 1 to day 14, while at day 21 of incubation, cell viability decreases until 95 %, probably 

because of the high number of cells that reach confluences onto the scaffold’s surfaces.  

 



Results and Discussion 

131 
 

 
Figure 38. (a) Merge of live, dead and nuclei confocal images HCTs-8 seeded onto c-GelMa (green panel), c-

coll (orange panel) and IPN-based (blue panel) scaffolds obtained through live/dead staining, after 7days, 14 

days and 21 days of incubation. (b) Optical images of HCTs in 2D conditions at 7 days, 14 days and 21 days 

of incubation.  
 

 

Cell proliferation of both HSFs and HCTs-8 in 3D conditions, were quantitatively evaluated through 

alamar blue assay, as explained in the experimental section. HSFs proliferation inside c-GelMa, c-

coll and IPN matrixes, after bioprinting and UV photo-crosslinking, were reported in the Figure 39 

a. Graph shows that HSFs in IPN display the highest RFU at 14 and 21 days of incubation, 11 and 19 

RFU, respectively, while HSFs in c-GelMa and c-coll show similar cell proliferation rate from day 1 

to day 21. Furthermore, the cell proliferation for HSFs in IPN scaffolds abruptly increases at day 14, 

as in an exponential way, while in c-GelMa and c-coll the increase of cell proliferation is slower and 

linear.  

A similar trend can be observed for HTCs-8 proliferation when seeded onto c-GelMa, c-coll and IPN-

based scaffolds (Figure 39 b). In fact, HCTs-8 onto IPN models display higher RFU since day 7 of 

incubation, with respect to HCTs-8 growth onto c-coll and c-GelMa scaffolds. In particular, HCTs-8 

show 33, 42, and 47 RFU at days 7, 14, and 21 of incubation, respectively, onto IPN scaffolds, 23, 

24, and 25 RFU at days 7, 14, and 21 of incubation, respectively, onto c-coll scaffolds, and 7, 10 and 

19 RFU at day 7, 14 and 21 of incubation, respectively, onto c-GelMa scaffolds. 
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From these alamar blue assays it is possible to deduce that IPN matrix shows the most bioactive 

properties with respect to c-coll and c-GelMa, probably thanks to the enhanced biomimicry provided 

by the combined action of GelMa and collagen.  

 

 

 
Figure 39. (a) Cell proliferation of human skin fibroblasts embedded in c-coll (yellow bars), IPN (blue bars) 

and c-GelMa (green bars), after bioprinting and photo-crosslinking. at day 1, 7, 14 and 21 of incubation. (b) 

Cell proliferation of human intestinal epithelial cells growth onto c-coll (yellow bars), IPN (blue bars) and c-

GelMa (green bars) scaffolds, at day 1, 7, 14 and 21 of incubation. 

 

 

Finally, HCTs-8 protein expressions were evaluated through confocal microscope after 

immunostaining with E-cadherin and tight-junctions primary and secondary antibodies. As a general 

consideration, cadherins are a type of cell adhesion molecule that play a key role in the formation of 

adherens junctions to allow cells to adhere to each other, while tight junctions, also known as 

occluding junctions are multiprotein junctional complexes whose canonical function is to prevent 

leakage of solutes and water and seals the paracellular pathway. Both proteins are typical of the 

epithelial monolayer and their presence is fundamental for the replication of a physiologically-like 

intestinal barrier tissue, since they strictly influence substances regulation and are responsible of 

active/passive ions transport [275,276]. 

  

 Confocal images (Figure 40) report the E-cadherin expression in red and the tight junction (ZO-1) in 

green of HCTs-8 seeded onto c-GelMa and c-coll scaffolds at day 14 and day 21 of incubation. Notice 

that, proteins expression of HCTs-8 seeded onto IPN is not reported in this Thesis. As it is clear from 

the images, both E-cadherin and tight junctions are produced from the epithelial layer and they are 
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localized in the periphery of the cells, in the cell intermembrane space. In fact, it is stated that in 

physiological conditions, E-cadherins behave as both receptors and ligands for other molecules, thus 

are present in the plasma membrane space generated between two or more cells, while tight junctions, 

which consist of the three major transmembrane proteins such as occludin, claudins, and junction 

adhesion molecule (JAM) proteins, are associate with different peripheral membrane proteins such 

as ZO-1 located on the intracellular side of plasma membrane, which anchor the strands to the actin 

component of the cytoskeleton [275,276]. 

Furthermore, E-cadherins display a strong correlation with cancer, since the loss of the cell adhesion 

molecules is involved in the formation of epithelial types of cancers such as carcinomas. The changes 

in any type of cadherin expression may not only control tumor cell adhesion but also may affect signal 

transduction leading to the cancer cells growing uncontrollable [275,276]. For this reason, the 

replication of these proteins is fundamental when 3D intestinal barrier models must be replicated to 

evaluate any pathology, inflammation or tumor disease.  

 

 

 

 
Figure 40. Confocal images of HCTs-8 E-cadherin (in red) and ZO-1 (in green) protein expression after 

immunostaining with primary and secondary antibodies at day 14 and 21 of incubation. Left side shows HCTs-

8 protein expression when seeded onto c-GelMa scaffold, while right side of the image show HCTs-8 protein 

expression when seeded onto c-coll scaffold. 
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Moreover, in order to carry out immunohistochemistry and compare both 3D model architecture and 

structure to the native hierarchical organization of intestinal barrier, a new biological protocol to 

include, stain (haematoxylin and eosin staining), and cut with the microtome the 3D bioprinted 

models is under development. Usually, the immunohistochemistry protocols used for the human and 

animal tissues are employed for the treatment of in vitro models. However, when soft materials are 

involved, such as hydrogel or polymer matrices, all the steps traditionally involved in the 

immunohistochemistry procedure, confer to the artificial ECM fragility and dryness. This limitation 

leads to get samples not being easy to handle and with high breakages points in the internal structure, 

which can cause cells detachments. Furthermore, no procedures are available in the literature which 

detailed described all the passages to include and treat 3D bioprinted in vitro models.  

 

For these reasons, in order to optimize a new inclusion procedure which aims to preserve the structure 

of the in vitro models after the treatments, a simple bilayer models of c-coll and IPN were produced 

though 3D bioprinting process. GelMa was not considered at this stage of the experiment. Then, to 

introduce the living component to the system and easily evaluate how cells behave in contact with 

soft materials after the optimized inclusion procedure, Caco-2 cells line were manually seeded onto 

UV photo-crosslinked scaffolds, as explained in the experimental section and schematically reported 

in Figure 41. Caco-2 cell line were employed since they are widely used for the replication of 

intestinal barrier and they well adhere on GelMa/collagen-based materials [277,278]. 

 

 

 

 
Figure 41. Schematic representation of 3D printing of coll, GelMa and semi-IPN ink, not containing cells, UV photo-

crosslinking and Caco-2 manual cell seeding onto the scaffolds surfaces. 

 

 

 

Several inclusion procedures were tested before to define that one that enable a safety inclusion of 

the models that provide, at the same time, the highest structural stability after the cut. Usually, 

different passages in xylol must be performed on the sample to dehydrate it from the aqueous 
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components and thus allow the permeation of PFA inside the whole structure. However, xylol seems 

to strongly affect structural stability of the soft materials. For this reason, several timing of each step 

of dehydration through xylol were tested on both c-coll and IPN scaffolds starting from 10 min up to 

3 min. Figure 42, show three different samples of (a) c-coll, (b) IPN and (c) IPN after 10 min and 3 

min, repeated for three times, of immersion in xylol. Figure 42 a, reports only pure collagen reported 

since IPN was completely destroyed after 10 min of xylol treatment. As it is clear from the image, c-

coll does not retain its structure because of its high fragility. Furthermore, cell monolayer was 

completely detached from the scaffold surface. By decreasing the time of xylol treatment, from 10 

min to 3 min, while maintaining the number of passages constant, both c-coll (Figure 42 b) and IPN 

(Figure 42 c) appear less fragile and easier to handle, able to withstand the whole inclusion process. 

Furthermore, Figure 42 c demonstrate that c-blend better support the xylol treatment thanks to the 

presence of an intact structure in the bottom part of the sample and the presence of a continuous cell 

monolayer in the right side of the images (highlighted with the black arrows), which is almost 

destroyed in the c-coll sample. 

Further improvements are ongoing to preserve and retain the structure of the sample after the 

inclusion process and to avoid cell detachments.  

 

 

 
Figure 42. Histological images of (a) c-coll after 10 min of xylol treatments, (b) c-coll sample after 3 min of xylol 

treatments and (c) IPN after 3 min of xylol treatments.  

 

 

3.4.3. Conclusions 

 

In conclusion, a ‘proof of concept’ of 3D intestinal barrier, fully representing the three main important 

layers of the tissue (submucosa, lamina propria, and epithelial monolayer), and the two main living 

cell components (intestinal epithelial cells and fibroblasts), was successfully obtained in this Thesis 

through a dual printing process, by using GelMa, coll and semi-IPN bioinks. All the bioprinted 

models displayed good cell viability (> 90 %) and proliferation, meaning that the models can support 

cell growth and are suitable for this application. Biological results demonstrate that all the matrixes 
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are suitable to support cell growth and proliferation and provide, at the same time, suitable mechanical 

stability up to 21 days. The different mechanical properties displayed by c-coll, c-GelMa, and IPN 

strongly influence cell morphology, proliferation, and orientation. In fact, fibroblasts inside c-coll 

and IPN-based scaffolds (which show higher mechanical properties) show rounder cell morphologies 

with less pronounced filaments, while inside c-GelMa (which display the lowest stiffness) cells are 

more elongated with a pronounced presence of filament extensions.  

Furthermore, cell proliferation evaluation demonstrates that, in general, all the matrixes well support 

cell proliferation and that cells onto and inside IPN-based scaffold present the highest proliferation 

rate. These results might be ascribable to the fact that the combination of GelMa and collagen in the 

IPN formulation strongly enhance the bioactivity with respect to the single material. Moreover, 

proteins expressions successfully demonstrate the production of E-cadherin and ZO-1 junction at the 

epithelial monolayer level.  

In conclusion, these models represent a ‘proof of concept’ of intestinal barrier easy to reproduce in 

all the labs equipped with a basic 3D bioprinter. The models can be easily adapted to the traditional 

biological assays and can be used for drug screening applications. Moreover, to further simulate in 

vivo conditions, the models can be incorporated inside dynamic bioreactors which can reproduce 

physiological flux.  Finally, a standardized biological procedure is under optimization to process this 

type of soft tissue-based in vitro models for immunohistochemistry analysis, since a strong stiffening 

of the hydrogel matrix usually occurs during all the passages necessary to prepare the sample, and 

the resulting rapture of the specimen does not allow the correct analysis of the tissue. Since no 

standard biological procedures yet exist in the literature, a deep investigation was carried out in order 

to develop a new customized biological procedure that might be used for 3D bioprinted systems.  
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4. Conclusions 
 

The culture of cells on two-dimensional (2D) surfaces has provided groundbreaking insights into 

basic cell biology. However, cells naturally grow in three-dimensional (3D) environment and the 

extracellular matrix (ECM) plays a central role on controlling cell pathways through biological and 

mechanical stimuli. The development of 3D bioprinted in vitro models has become increasingly 

attractive, enabling to artificially reproduce ECM of the tissues by using cell-embedded hydrogels 

(bioinks) with tailored physical and chemical properties. In this context, the hydrogel not only 

provides mechanical support and stability to the cells but also allows to tailor protein composition, 

nutrition, chemical and spatial gradients to match the native extracellular matrix. Moreover, 

considering that in several diseases and inflammatory states the ECM shows different stiffness with 

respect to the corresponding healthy conditions, the possibility to tailor hydrogels mechanical 

properties by modifying the polymer chemical structures, while maintaining their biocompatibility 

and biomimicry, make their use versatile and suitable to simulate a broad spectrum of physiological 

features. Finally, since 3D bioprinting allows to produce complex structures by using different bioinks 

in the same printing process, multi-components tissues containing different type of cells, proteins, 

matrices and gradients, in the z-axis, can be produced.  

The employment of these advanced models during drug screening pipeline might reduce the number 

of failures encountered in the pre-clinical stages since they should resume all the essential 

characteristics of the native tissues. However, 3D bioprinted models for drug testing must overcome 

several technological, regulatory and ethical challenges prior to inclusion in the drug screening 

pipeline. Currently, these models lack of key physiologically features which, at the moment, are fully 

recognized only by the animal models, such as the reproduction of tissue vasculature and 

incorporation of multi-cellular components which cooperate each other’s in a synergic way during 

drug-tissue interaction. Spheroids, cell aggregates and organ on a chip have been extensively used as 

3D models to represent the in vivo condition since they well spontaneously reproduce cell 

morphology or the hierarchical structure of cell arrangement in some complex tissue, such as the 

intestine. However, spheroids or cell aggregates can be formed in limited and expensive matrices 

which do not replicate the features of the tissue external environment, that has been demonstrate to 

strictly influence cell functionalities and drug response, while organ-on-a-chip models usually 

involve the use of seeded cells onto complex and stiff structure, made by soft-lithography, that 

provide dynamic flux, as in physiological system, but do not replicate the suitable mechanical stimuli. 

Despite the limitations related to the 3D bioprinted models, they have the potential to fill the gap 
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between 2D cultures and animal models thanks to their ability to include both living components and 

mechanical characteristics in the models, paving the way towards more accuracy methods to carry 

out drug screening. 

For this reason, in this Thesis 3D bioprinting has been used to produce practical and useful 3D models 

which might find space in the drug screening field. In particular, a photo-crosslinkable alginate-based 

3D gradient stiffness platform and 3D intestinal barrier have been produced, because of the great 

interesting they acquired in the research field, by focusing the attention both in the replication of the 

suitable mechanical properties of the tissue’s ECM to be reproduced and in the preservation of cell 

viabilities and functionalities. The synthesis and formulation of natural-based hydrogels and bioinks 

were also explained and proposed. In addition, this Thesis provides valid instructions on the use of 

rheology for the characterization, selection and understanding of bioinks for the fabrication of 3D 

bioprinted constructs. In fact, the deep rheological characterization carried out on the bioinks 

formulation and on the final 3D bioprinted models has been demonstrated as powerful predictive tool 

to assess the bioprinting process and to fully characterize the stiffness of the matrices. In this context, 

one of the most important aspect to consider before to cultivate 3D models is the ability of the 

hydrogels to represent, from a mechanical point of view, the desired range of stiffness as in human 

environments.  

Here, an innovative and affordable synthetic approach for the production of alginate methacrylate is 

proposed. This hydrogel has been selected as natural-based ECM since it is widely used in this field 

and it does not contain ECM-derived components, making it useful for the evaluation of protein 

secreted by the cells themselves. Moreover, in this Thesis, the fabrication of 3D bioprinted construct 

with gradient stiffness based on HeLa cells embedded in alginate methacrylate hydrogel is fully 

reported. This model aims to represent a platform which acts as powerful biological tool to study, at 

the same moment, cell behavior and pathways at the interfaces of regions or inside different portions 

representing healthy (region of the platform with lower stiffness) or pathologic tissues (region of the 

platform with higher stiffness). In this PhD work, the evaluation of the effect of the photo-initiator, 

photo-crosslinking process, necessary to stabilize the models, and mechanical properties on the cell 

behavior was also reported, since the use of photo-crosslinkable ECM-free derived polymeric 

matrices (such as alginate methacrylate) has increased great attention.  The obtained 3D bioprinted 

platform displays mechanical stability up to 14 days of incubation. HeLa were used only to easy 

fabricate the platform since they represent the ‘gold-standard’ cell model in 2D conditions but the 

concept of the gradient stiffness platform might be applied to other living systems. 
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At the same time, a proof-of-concept for the fabrication of 3D intestinal barrier was proposed in this 

Thesis. In native condition, intestinal tissue displays hierarchical structure with a complex 

architecture and cell arrangement, because of the presence of different cell types, macrophages, white 

cells and villi-like epithelial monolayer. New pure collagen formulation was optimized in cooperation 

with Typeone Biomaterials s.r.l. which completely avoid manual neutralization process from the 

operators by proving a fluent filament extrusion and, at the same time, mechanical stability during 

time after crosslinking. In order to simplify the 3D system to the most easy but representative model, 

both human fibroblasts and epithelial colonic cells were used to produce natural-based bionks 

formulation and the multilayered structure which spatially resemble the native condition. The use of 

human colonic epithelial cells to make the epithelial monolayer, lead to the spontaneous formation of 

villi-like structure while intestinal fibroblasts were located at the basal layer of the model representing 

the submucosa. In the middle of monolayer and submucosa, lamina propria is located and represented 

by a hydrogel-based layer not containing living components. Here, a multilayered and bioprinted 

intestinal barrier composed by two different cell types which are able to live in the same system, was 

successfully achieved. Bioinks formulation was carried out by considering the bioprinting process, 

the long-term sustainment of the model, and the stiffness through rheological analysis. Mechanical 

characterization highlights that the models display tunable and tailored mechanical properties, that 

represent physiologic conditions. The expression of both tight-junctions and inter-membrane proteins 

demonstrate that the fabricated models possess the biological characteristics to be used for drug 

screening, because they are directly involved in drug absorption and regulation. Furthermore, the high 

mechanical stability displayed up to 21 days suggest the possible use of these models in dynamic 

condition. Finally, the ability of the 3D bioprinting to fine control the thickness of the layers makes 

the final models suitable for histological analysis, which could provide a significant comparison with 

the in vivo situation. Rheological analysis also demonstrates that rheological parameters, bioprinting 

process, mechanical stability and shape-fidelity of the models are strongly correlated and this might 

provide a predictive tool to researchers for the fabrication of reliable models with tissue-like 

condition. 

 

Future work will regard the introduction of these models inside bioreactors or microfluidic systems 

consisting of hosting chamber and microtubing connection to simulate the dynamic flow condition 

might provide a further step toward the in vivo systems and a valid tool for the prediction of drug 

effects. Here the proposal for the validation and assessment of the models from a practical fabrication 

and biological point of view is proposed, and, to further demonstrate the potentiality of the models 

for drug screening application, they might be combined with the bioreactor proposed by the Italian 
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company IVtech s.r.l. This bioreactor is designed for inter-connected dynamic cell cultures and is 

equipped with a dual-chamber system interconnected with two flow inlets and outlets, and a holder 

to house a porous membrane, in which is possible to directly print the desired models. The system is 

designed to reproduce the typical surface of a 12 transwell, thus making the analysis easy to be 

adaptable to the traditional biological instruments. Live imaging during static/dynamic culture, i.e. in 

situ imaging of the three-dimensional culture environment using optical microscopy, or post culture 

imaging including staining procedures can be carried out thanks to the easily removable holder 

system. 
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