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ABSTRACT 
 

Three-dimensional (3D) bioprinting is emerging as a powerful tool for the development 

of new therapies by enabling the fabrication of tissues that mimic the complex native 

organization. The aim of this PhD thesis was to develop an in vitro model of urethral 

smooth muscle using a novel 3D bioprinting approach to study the effects of mechanical 

signals on smooth muscle phenotype. 

 

Initially, a literature review was conducted to investigate the cell source and approach for 

the model. The experimental model was based on human bladder smooth muscle cells 

(SMCs) suspended in hydrogels comprising gelatin methacrylate (GelMA) and alginate. 

 

In Study I, an optimal hydrogel combination was found, which resulted in better structural 

stability after crosslinking and exhibited high survival, morphology, and proliferation of 

the SMCs. Interestingly, the results revealed that the stiffness of the 3D construct was 

critical for maintaining the contractile SMC phenotype. 

 

In Study II, a custom modification of commercially available cell-stretching plates 

allowed the application of cyclic mechanical stimulation to 3D constructs. The study 

demonstrated that cyclic mechanical strain significantly enhanced SMC differentiation of 

cells grown on the constructs, and this effect was mediated by activation of p38 MAPK. 

 

Overall, the results of this work contribute to a better understanding of how mechanical 

signals from the microenvironment are critical for maintaining the contractile phenotype 

of SMCs. Hydrogel combinations that exhibit optimal printability, while supporting 

proper assembly and maturation of the SMCs, may be significant for the development of 

future treatments for urethral strictures. 



 

DANSK RESUMÉ 
 
Tredimensionel (3D) bioprint har udviklet sig hurtigt som et vigtigt værktøj der giver 

mulighed for fremstilling af cellemodeller, der efterligner den komplekse arkitektur og 

sammensætning af levende væv. Formålet med denne Ph.d.-afhandling var at udvikle en 

in vitro-model af urinrørets glatte muskulatur ved hjælp af en 3D bioprinting proces til at 

undersøge virkningerne af mekaniske signaler på fænotypen af glat muskulatur. 

 

Indledningsvis blev der gennemført en litteraturgennemgang for at undersøge forskellige 

celletyper og tilgange til modellen. Den eksperimentelle model var baseret på glatte 

muskelceller fra human blære (SMC) fordelt i et gelbaseret materiale der indeholdte 

gelatin-methacrylat (GelMA) og alginat. 

 

I undersøgelse 1 blev en optimal gel kombination fundet, hvilket resulterede i bedre 

mekanisk stabilitet og samtidig viste høj overlevelse, spredning, og vækst af SMC. 

Derudover, afslørede resultaterne, at stivheden af 3D-modellen var kritisk for at 

opretholde den kontraktile fænotype af SMC. 

 

I undersøgelse 2 tillod en tilpasset modifikation af cellestrækplader anvendelsen af cyklisk 

mekanisk stimulering til 3D- modellerne. Undersøgelsen viste, at cyklisk mekanisk stræk 

forbedrede differentiering af SMC markant, og at denne effekt blev medieret af aktivering 
af p38 MAPK. 

 

Samlet set bidrager resultaterne af dette arbejde til en bedre forståelse af, hvordan 

mekaniske signaler fra mikromiljøet er afgørende for at opretholde den kontraktile 

fænotype af SMC. Gel-kombinationer, der udviser optimal printbarhed, samtidig med at 
de understøtter korrekt samling og modning af SMC, kan være væsentlige for udviklingen 

af fremtidige behandlinger for urinrøretsforsnævringer. 
 

 



             LIST OF ABBREVIATIONS 
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CHAPTER 1. INTRODUCTION 
Because of its anatomical structure, the male urethra is susceptible to a variety of 

disorders, including traumatic and acquired injuries. As a consequence of such 

injuries, urethral strictures may occur, which are characterized by progressive 

formation of scar tissue in the urethral lumen. Urethral narrowing can cause a number 

of clinical symptoms that severely affect patients' health and reduce their quality of 

life1. The main surgical approach to repair severe urethral strictures is surgical 

intervention using a graft, also known as urethroplasty 2. Surgeons use a variety of 

tissues for urethroplasty, including oral mucosa and skin. However, the use of these 

tissues is often limited by complications during harvesting and the limited availability 

of material to meet clinical needs 3. 

Tissue engineering (TE) principles provide an ideal solution for restoring and 

maintaining normal tissue and organ function by combining elements of biology, 

materials science, medicine, and engineering4. Over the past two decades, various 

tissue engineered urethral models have been developed to address the problems 

associated with conventional urethral grafts5. Creating a tissue-engineered urethra that 

mimics the complex tissue functional structure of the natural urethra by using porous 

polymeric biomaterials as scaffolds and living cells represents an important 

challenge6. Although relevant studies have been confirmed in preclinical models, 

clinical trials have had limited success. Failure of tissue engineered grafts is mainly 

due to inadequate blood supply and impaired nutrient exchange after scaffold 

insertion, as well as defects in the cellular phenotype of urethral tissue7. For example, 
smooth muscle cells do not differentiate into a contractile phenotype, which are 

essential for maintaining urethral strength and contractile response8. 

As an alternative to conventional porous scaffolds, hydrogels are considered one of 

the most promising materials for tissue engineering. Not only do they provide 

mechanical support for cells by mimicking the natural extracellular matrix, but their 

high-water content also provides an ideal environment for cell survival 9. In addition, 

hydrogels enable the layer-by-layer fabrication of three-dimensional scaffolds (by 

e.g., 3D bioprinting) to specifically customize scaffold structure and morphology and 

achieve uniform cell distribution10. However, the optimal conditions for proper cell 

maturation and deposition of the extracellular matrix remain unknown, which may be 
critical for the mechanical stability of the graft to prevent recurrence of the stricture. 

In addition, previous studies did not consider that the urethra is constantly exposed to 

mechanical forces during urination, which play an important role in the differentiation 

and tissue maturation of the smooth muscle layer. 

Therefore, the research in this project aims to develop an innovative in vitro model to 

investigate the structural, mechanical, and molecular signals that are critical for proper 

cell assembly and differentiation, to ultimately significantly improve the performance 

of tissue engineered urethral grafts. 
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CHAPTER 2. BACKGROUND 
 
2.1.   Urethral stricture 
 
The male urethra is the conduit that carries urine from the bladder to the outside and acts 

as an outlet for sperm and glandular secretions during ejaculation11. After trauma, 

infection, congenital disease, or injury to the urethra, fibrous scar tissue forms in the 

urethra, gradually narrowing the lumen, a condition known as urethral stricture. The 

incidence of urethral stricture has remained at historically high levels over the last few 

decades. The overall prevalence of urethral stricture disease in men is 0.6% and men over 

the age of 65 are more likely to be affected 12. As the condition progresses, urethral 

strictures can cause a range of symptoms: straining to pass urine, pain during urination, 

urinary tract infections and prostatitis. Some patients with severe urethral strictures are 

even unable to urinate at all and require urgent treatment. As urethral stricture greatly 

impairs the health and quality of life of patients, there is a growing interest in the medical 

community to find suitable management options.  

 

Currently, endoscopic treatment by direct visual urethrotomy (DVIU), seems to be 

gradually becoming the first choice for patients due to its advantages of being minimally 

invasive and easy to perform 13. However, it has a low long-term treatment success rate 

(0-9%) and its scope is limited to single strictures that are less than 2 cm long 14. In 

contrast, surgical removal of the affected tissue and reconstruction of the urethra with 

grafts, urethroplasty, has a much higher long-term success rate (85-90%) and is now 

considered the gold standard for the treatment of urethral stricture 15. (Figure 1). 

 

 
Figure 1. (a) Stricture disease is caused by a narrowing of the urethral lumen at any location 
between the bladder and the urinary meatus (b) Example of augmentation urethroplasty using a 

tissue graft for treatment of a distal stricture. The urethral stricture is exposed (i), the damaged 
tissue is removed (ii), and graft is sutured in place (iii). Figure created with BioRender.com 
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Two types of grafts are clinically available for urethral reconstruction: skin grafts and oral 

mucosal grafts. Penile skin was the first graft used for urethral reconstruction 16, but 

because it tends to form hair in the new urethra, it can lead to urethral calculi, urinary tract 

infections and hair blockage of the lumen, resulting in restricted urinary flow. Also, due 

to the poor response of penile skin to the moist environment of the urethra and the low 

long-term success rate (50%) 17, it is gradually being replaced by oral mucosa grafts. In 

contrast, oral mucosa has several desirable properties that make it particularly suitable for 

urethral reconstruction. Firstly, it has good mechanical strength for the procedure. 

Secondly, it adapts well to the moist environment of the urethra. Finally, it has more 

favorable vascular properties, giving it a high capacity for rapid absorption of the blood 

supply to the wound. All these properties give it a lasting success rate of up to 80-85%. 

For this reason, oral tissue grafts obtained from the oral mucosa (buccal mucosa) are 

currently considered the gold standard18. 

 

However, the clinical use of oral mucosa also faces several limitations. Only a limited 

amount of donor tissue can be collected, and some patients with lesions in the oral mucosa 

(e.g., oral lichen planus) are unable to have oral mucosa collected to meet the needs of the 

procedure. In addition, donor site bleeding may occur when collecting buccal mucosa, and 

complications such as donor site infection, pain, parotid duct damage, graft contracture 

and numbness may occur after collection 19. To overcome these difficulties, alternative 

methods of urethral reconstruction need to be explored. 

 

2.2.   The urethral smooth muscle 
 

The muscular layer of the urethra, which performs crucial physiological and structural 

duties, is crucial to the restoration of the urethral structure and function 20. At the bladder 

outlet, an outer layer of striated muscle and an inner layer of smooth muscle form the 

sphincters that control urine emptying. Along the remaining length of the urethra, there 

are essentially two layers of smooth muscle cells: a longitudinally oriented inner layer and 

a circularly oriented outer layer. When urinating, the longitudinal layer contracts, 

shortening the urethra, while during the filling phase, the circular smooth muscle layer 

contracts, effectively shortening the urethra. In addition to the nervous system controlling 

these mechanical actions of the urethral smooth muscle21, the ECM that covers the smooth 

muscle layer also aids in preserving the mechanical condition of the urethra. Elastin, for 

instance, is crucial for urethral compliance due to its high degree of extensibility, whereas 

collagen gives the urethra the mechanical strength it needs to maintain appropriate 

physiological structure 22.  
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2.3.   Characterization of smooth muscle cells (SMCs) 
 

SMCs exhibit phenotypic plasticity in that they can transition from a synthetic to a 

contractile phenotype and vice versa. This phenotype switch is characterized by the 

expression of a number of smooth muscle (SM)-specific contractile-related proteins23, 

including SM-myosin heavy chain (MYH11), SM-α-actin (ACTA2), smooth muscle 22 α 

(SM22α), transgelin (TAGLN), calmodulin (CNN1), h-caldesmon (CALD1), smoothelin 

(SMTN), leiomodin 1 (LMOD1), potassium calcium-activated channel subfamily M 

regulatory beta subunit 1 (KCNMB1), Kv1.5 (KCNA5), and the intermediate filament 

protein synemin (SYNM). Synthetic SMCs have a hill and valley morphology compared 

to elongated spindle-shaped morphology that is characteristic of contractile SMCs (Figure 

2). Furthermore, synthetic SMCs exhibit higher proliferation, migration, and ECM 

synthesis rates compared with the contractile SMC phenotype Moreover, the expression 

of contractile-related proteins are significantly decreased in synthetic SMCs and replaced 

by non-contractile functional proteins such as β-SMA and MHC10. Signaling molecules 

such as transforming growth factor beta 1 (TGF-1) or heparin are critical in this phenotypic 

plasticity. For example, in vascular SMCs, TGF-1 transcriptionally regulates the 

expression of many genes, resulting in a phenotypic change of the cells toward a 

contractile phenotype. At the same time, cell-to-cell interactions as well as changes in the 

stiffness of the extracellular matrix can cause phenotypic switch 24. (Figure 2)    

 

 
Figure 2. Summary of the characteristics of the VSMC phenotype along the 
phenotypic continuum between the contractile, differentiated phenotype on the 
left and the synthetic, de-differentiated phenotype on the right, as well as some 
environmental cues that affect this continuum and markers for various 
differentiation processes. Figure created with BioRender.com 

 

  



18  

2.4.   Urethral tissue engineering 
 

As previously mentioned, traditional grafting methods for urethral reconstruction surgery 

can lead to varying degrees of donor site morbidity and a range of complications. Tissue 

engineering offers the possibility of replacing and restoring damaged tissue structure and 

function by combining relevant principles and techniques from materials science, cell 

biology, transplantation, and engineering 25. Tissue engineering approaches usually 

consist of four key steps, including (1) the selection of biomaterials capable of acting as 

scaffolds with biochemical and mechanical properties suitable for specific clinical 

applications; (2) the selection of cell sources for seeding on selected scaffolds; (3) 

biomanufacturing techniques combining biomaterial scaffolds and cells; and (4) 

environmental parameters, adding bioactive factors to the construct or placing it in 

dynamic culture mode to achieve the desired results 26. (Figure 3)  

 

Over the past two decades, various tissue engineering models for urethral regeneration 

have been developed 5.  For long and complex strictures, the typical approach consists in 

the use of cell-laden tissue constructs which comprise a porous polymeric biomaterial 

(scaffold) onto which cells are cultured before implantation. 

 

  
 

Figure 3. The general path of tissue engineering relevant to the urethra. Patients' cells are removed 
and grown in cell culture. After being grown, the cells are seeded onto a scaffold that serves as a 
template and promotes tissue growth and maturation. Once it has fully developed, the tissue can 
be transplanted into the patient to recover tissue function. Figure created with BioRender.com 
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2.4.1. Biomaterial scaffolds for urethral TE    
 

Typically, scaffolds for urethral tissue engineering are fabricated with synthetic and/or 

natural polymers. In general, natural polymers are highly biocompatible but have poor 

mechanical properties 27,28. In contrast, synthetic polymers, formed by adjusting their 

chemical structure and molecular composition, usually exhibit highly tunable 

biodegradability, biocompatibility, and mechanical properties 29,30. Table I summarizes the 

polymeric materials that have been used in tissue engineering of the urethra, most of which 

have been covered in literature reviews 31,32.  

 
Table I.  Polymers used as scaffolds for urethral tissue engineering. 

Natural polymers Synthetic polymers 

Collagen33–37 PLCL 38 

Gelatin 39,40 PLLA 41 

Silk fibroin 42–47 PCL/PLLA 48 

Alginate 49 PLLA/PEG 50 

Hyaluronic acid/collagen 51 PCL/PLCL 10 

Cellulose 52 PLLA/Gelatin 53 

Fibrin 54 PLCL/Collagen 55 

Chitosan/collagen 56 PLA 57 

 PU/mesh in PGA 58 

 PLGA 59 

 PLGA/Gelatin 60 

 P-HEMA 61 

Abbreviations: PLCL: poly(l-lactide-co-ɛ-caprolactone); PCL: poly ɛ-caprolactone PLA: polylactic 
acid; PU: polyurethane; PGA: polyglycolic acid; PLGA: poly(lactic-co-glycolic) acid; PLLA: poly-l-lactic 

acid, P-HEMA: poly(2-hydroxyethyl methacrylate). 

 

The conventional porous scaffold-based approach has a number of limitations. Firstly, the 

pore sizes formed by different biomaterials do not allow for the exchange of oxygen and 

nutrients; secondly, some scaffolds constructed from biomaterials have far from optimal 

mechanical properties and structural and morphological control 62; and finally, there is still 

no consensus on the functional cell seeding that facilitates urethral regeneration. These 

limitations may result in heterogeneous cell growth within the scaffolds, which is thought 

to be responsible for tissue graft failure and lead to scarring and recurrence of stricture 63.  

 

Hydrogels are three dimensional networks of hydrophilic polymers. They can be cross-

linked by physical or chemical means to form gels that swell rapidly in water but can retain 

large amounts of water in the swollen state without dissolving 61. Their high-water content 

facilitates cell encapsulation and allows sufficient transport of nutrients and metabolites 

to ensure cell viability. Furthermore, by varying the concentration or composition of the 

hydrogel, not only can the pore size be adjusted to improve cell adhesion and cell 

proliferation 64, but also physical properties such as degradability and mechanics, 

providing mechanical support for cells in engineered tissues and mimicking the natural 

extracellular matrix 65.  
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In the development of hydrogel scaffolds, researchers have proposed a variety of 

biomaterials and manufacturing techniques. However, the application of hydrogels as 

functional scaffolds for tissue engineering still poses many challenges. The pores of the 

conventional hydrogel mesh may be different from the actual pores of the ECM, which 

makes it difficult to promote cell proliferation and further differentiation 66.Natural 

hydrogels possess the biological properties required to promote cellular responses, but 

their low modulus and poor mechanical properties make it difficult to fabricate stable 

structures and complex geometric scaffolds. In contrast, synthetic hydrogels generally 

possess high mechanical strength and easily customizable mechanical and chemical 

properties, but they lack biologically active molecules that can promote cell adhesion and 

migration. Therefore, to develop effective hydrogel-based scaffolds for urethral tissue 

engineering, both their physicochemical and biological properties must be considered and 

rationally designed.  

 

2.4.2. Cell sources used for urethral TE  
 

In urethral TE, there are two approaches: the first strategy is to rely exclusively on cell-

free scaffolds, using natural or synthetic materials. The scaffold is mainly infiltrated by 

host cells, which remodel the scaffold over time, ideally to be replaced by the target tissue 
67. The benefits of this approach are that it is simple, requires less preoperative preparation 

and entails fewer procedures 6. A healthy urethral bed, the absence of spongy fibrosis and 

adequate vascularity are necessary for the success of a cell-free graft 5. However, as the 

underlying pathological process in stricture disease is ischemic fibrosis, the quality of the 

wound bed may be reduced 68. Furthermore, this straightforward approach can only be 

used as a back-up option in patients with small to moderate urethral anomalies, and clinical 

data suggest that failure is common in people with strictures greater than 4 cm 69. 

 

Cell-based TE solutions have been investigated for a wider range of urethral strictures. 

Over the past, various combinations of cells and scaffolds have been the focus of some 

successful studies 25. It is generally accepted that cell-loaded grafts significantly reduce 

the incidence of strictures, fistulas, and infections 69. Also, cellularity promotes the growth 

of blood vessels and urethral barriers, thereby reducing local inflammation and fibrosis 

associated with urinary leakage 6. Therefore, the selection of the appropriate cell type and 

associated scaffold is crucial in tissue engineering for urethral repair. 

 

The urethra is anatomically composed of the renal pelvis, ureter, bladder, and urethra. It 

is involved in the transport of urine from the kidneys, physical excretion, and bodily 

drainage 70. Histologically it consists of three different layers including the epithelium, the 

connective tissue that forms the submucosa and the external smooth muscle 71. The 

muscular layer consists of smooth muscle cells and is primarily responsible for producing 

the coordinated waves of contraction that are necessary for the transport and excretion of 

urine. The submucosa is formed by an extracellular matrix containing blood vessels, 

lymph, nerves, and various cells. Of these, fibroblasts play an important role in the 

formation of the submucosa. Therefore, cell-based studies of urethral remodeling have 

focused on the three important target cells mentioned above. They are divided into two 

categories according to their different cellular origins: progenitor cells and stem cells. 
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Table II. Cell sources used for urethral tissue engineering. Detailed description of properties of each 
cell type can be found in Appendix I. 

Progenitor Cells Stem Cells 

Epithelial cells 72–75  Embryonic stem cells 76,77 

Smooth muscle cells 78,79 Induced pluripotent stem cells 80,81 

Fibroblasts 82,83 Bone marrow stem cells 84,85 

Epidermal cells 86,87 Adipose-derived stem cells57,88 

Mesothelial cells 89 Urine-derived stem cells 90 

 Hair follicle stem cells 91 

 Amniotic fluid stem cells 92,93 

 

 

The selection and application of cell types requires consideration of a range of parameters: 

the ability of the cells to proliferate in vitro, their ability to be immunomodulated and the 

damage they cause to the patient during collection. While a variety of progenitor cell types 

have been explored for urethral tissue engineering, urothelial and smooth muscle cells 

remain the main cell types in the field of urethral regeneration due to their key role in 

maintaining structure and function. Despite the wide range of sources of urothelial cells 

and the many successful experiences with urothelium obtained by bladder biopsy, the use 

of urothelial cells is further limited by the trauma of surgical interventions to the bladder 

and urethra. Recent studies have shown that it is possible to extract urothelial cells non-

invasively from bladder irrigation fluid and urine 73. As the most important cell type in the 

muscle layer, smooth muscle cells appear to have an irreplaceable role in urinary tract 

regeneration, as they play a unique role in regulating caliber elasticity, preventing wall 

adhesions and lumen collapse 78.  

 

Stem cells have the capacity for self-renewal and differentiation, providing an additional 

source of cells for urinary tract regeneration. In contrast to the ethical limitations of 

embryonic stem cells, adipose-derived stem cells have the advantage of multiple cell 

sources and are candidates for this field. Researchers have proposed several approaches 

to stably induce the differentiation of adipose-derived stem cells into epithelial 94,95 and 

smooth muscle phenotypes 96,97. In addition, adipose-derived stem cells secrete a variety 

of bioactive molecules that contribute to angiogenesis and wound healing, which are 

particularly important for regenerating the urinary tract and inhibiting fibrosis 98. Stem 

cells derived from urine have the advantage of being non-invasive and low-cost and have 

received increasing interest from researchers in recent years 90. It is also better adapted to 

the urine environment and ensures cell viability due to its inherent advantage of contact 

with urine. However, the related extraction and preservation techniques still need further 

research. A more thorough analysis of cell sources for urethral tissue engineering is 

provided in the Appendix I of the thesis. 
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2.4.3. General biofabrication techniques for urethral TE  
 

In addition to biomaterials and cells, various biomanufacturing strategies have been 

developed which play an important role in the final graft performance. Traditional 

biomanufacturing strategies including solvent casting, freeze drying, and gas foaming 

have a number of limitations in their application. Firstly, there is limited control over 

scaffold structure and uniform cell distribution cannot be achieved 99. In addition, 

angiogenesis and nutrient delivery is hindered, ultimately leading to low graft success 

rates 100. Finally, the complexity of the experimental steps and the length of time required 

seriously affect the efficiency of the application of tissue-engineered urethra. In order to 

better simulate the physical natural environment and improve the success rate of 

transplantation, a number of new techniques have been developed and applied in the field 

of urethral tissue engineering in recent years.  

 

Electrospinning is an electrostatic fiber fabrication technique produced by applying an 

enhanced electric field to a polymer solution or melt. Compared to conventional 

techniques, the experimental process is relatively simple and the resulting nanofibrous 

scaffolds are produced near the extracellular matrix composition, thus showing more 

interest and interest in urethral tissue engineering 101–103. In-situ tissue engineering 

technology is a combination of biodegradable biomaterials to enhance the regenerative 

potential of the body through rational scaffold design (including structural optimization 

and functionalization), ultimately leading to the reproduction of natural tissue 

regeneration. The application of this technology in the field of urethral regeneration has 

been successful, but the long-term success rate still needs further research 51,104. 3D 

printing technology has attracted a great deal of attention in recent years as a powerful 

tool in the field of regeneration. It allows the design and manufacture of a variety of 

cellular and matrix structures with site-specific properties that mimic the complex 

structure of natural tissues, depending on the specific needs of the patient, which are not 

possible with general tissue engineering techniques 10. A variety of technologies have been 

successfully developed in 3D bioprinting. At the same time, it has become an important 

part of the field of urethral tissue engineering due to its obvious technical advantages. 

Some more detailed insights about current strategies for preconditioning cells for urethral 

tissue engineering are provided in the Appendix I of the thesis. 

 

 

2.5.   3D bioprinting 
 

As an advanced technology in the field of TE, 3D bioprinting has the potential to enable 

the creation of personalized, patient-specific designs, producing high-precision, efficient, 

and cost-effective complex structures on demand by depositing cells and biomaterials on 

a layer-by-layer basis 105. 

 

2.5.1.    3D bioprinting process 
 

In brief, the envisioned process or 3D bioprinting based therapy follows three basic steps: 

In the first stage, a personalized treatment plan is developed based on patient information 

from magnetic resonance imaging (MRI) or micro-computed tomography (μ-CT scans). 
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An accurate 3D model is designed using computer graphics software (CAD) and 

transferred to a bioprinter for printing. At this stage, biomaterials and cell types need to 

be selected and developed as needed to match the biological characteristics and printing 

requirements. In the second stage, the tissue construct is printed using the mixture of 

hydrogel and cells also known as the bioink. In this process, a range of printing parameters 

including temperature, speed, and pressure need to be optimized to obtain a 3D construct 

with a well-defined geometry. The third stage focuses on characterizing the cell viability, 

proliferation capacity, and differentiation and maturation capabilities of the cell-filled 3D 

constructs 106,107. 
 

 
 

Figure 4. The typical 3D bioprinting process. Through computer-aided design, medical images are 
converted into STL files as part of preprocessing. Additionally, the choice and preparation of the 
bioinks need to be done. Using a bioreactor, tissue maturation and remodeling may be 
accomplished following the bioprinting procedure. The tissue can be transplanted into the patient 
once it has finished developing to restore tissue function. Figure created with BioRender.com 
 
 

2.5.2. Types of bioprinting 

Various printing technologies have been investigated and there are now three main 

technologies that have made great progress in the field of TE (Figure 4). Inkjet bioprinting, 

the first bioprinting technology to be applied to TE, achieves printing through a non-

contact process, specifically the deposition of small precise drops of 'bioink' onto a 

hydrogel matrix or culture dish at predetermined locations. The advantages of inkjet 

bioprinting are low cost, high resolution, and high efficiency. However, this method is 

difficult to apply to highly viscous bioinks as it is limited by the fact that only very small 

forces can be used to eject the droplets 108. 
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Laser-assisted bioprinting is based on the use of a laser as an energy source to deposit 

biological material onto a glass sheet. The technique usually consists of three parts: (i) a 

pulsed laser source device, (ii) a strip coated with liquid biomaterial and deposited on a 

metal film, and (iii) a receiving substrate 109. This technique is effective in avoiding the 

effects of nozzle clogging and shear stress on the nozzle wall on cell viability. However, 

its high cost and low efficiency limit its widespread use. 

 

Extrusion-based bioprinting is currently the most used bioprinting strategy because of its 

versatility in printing 3D structures 110. It is mainly controlled by a computer-controlled 

fluid distribution system, where the bioink is extruded in a continuous manner through 

micro-nozzle holes or micro-needles in filaments that reach a designated substrate through 

a coordinated movement of air pressure. After layer-by-layer deposition of the biomaterial, 

the final result is a complete three-dimensional pattern and structure. Although factors 

including the size, type, pressure, and speed of the print head have been greatly improved 

to accommodate different bioink properties 111. However, the strategy still has some 

limitations. The resolution of the constructs is much lower than inkjet or laser-assisted 

bioprinting; furthermore, the printing process always requires high print speeds, but 

complex 3D structures often take a long time to complete the printing process. Cells must 

wait a long time before they can be cross-linked, and the prolonged media-free state can 

seriously impair cell viability 112. Overall, extrusion-based bioprinting offers the 

possibility to print 3D constructs with satisfactory shape fidelity, however, bioinks and 

printing methods adapted to different cells and different printing conditions need further 

development. 

 

2.5.3. The concept of bioink 
 

Bioinks are materials used to produce engineered artificial living tissues using 3D printing 

technology. These inks consist mainly of living cells and biomaterials that mimic the 

extracellular matrix environment, while possessing rheological, mechanical, biofunctional 

properties to support the stability of the structure of the printed construct and to promote 

cell adhesion, proliferation, and differentiation 113. Unlike conventional 3D printing 

materials, the printing conditions for bioinks are more stringent to maintain cell viability: 

i) printing temperatures should not exceed physiological temperatures; ii) mild cross-

linking conditions; and iii) a sterile environment should be maintained throughout the 

printing process. 

 

2.5.4. Influence of bioink properties and printing parameters on 
print fidelity and cell viability/ functionality 

 

Two main aspects of hydrogels - physical quality and biological properties - have been 

considered in the development of bioinks loaded with 3D structures for printing cells. 

Physically, the bioink should have gelling properties when extruded from the tip of the 

nozzle and have a solidified filament morphology, and it must be mechanically strong 

enough to support the deposition of additional layers 114. Biologically, the bioink should 

provide a suitable microenvironment to support various cellular activities such as 

migration, proliferation, differentiation, and the generation of specific tissues 115. The 

printability of the bioink, the ability to form 3D structures with good fidelity and integrity, 
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and the viability of the cells, i.e., their ability to survive after printing, represent criteria 

for physical and biological properties respectively. An ideal bioink with optimal 

rheological properties should also maintain cell viability after printing and cross-linking. 

 

Increasing the concentration and enhancing the cross-linking effect of bioinks can both 

improve their printability and the stability of the 3D structure. However, this strategy also 

significantly affects the stiffness of the bioink, which plays a crucial role in cell behavior. 

For example, mesenchymal stem cells (MSCs) differentiate into bone cells when grown 

on stiffer substrates (~40 kPa) and into neural cells on softer substrates (~1 kPa) 116 .  One 

of the key factors in the success of bioprinting is related to the rheological properties of 

bioinks. High concentrations of bioinks often lead to cellular deformation and damage, as 

higher viscosity bioinks tend to require higher pressure compression, a process that can 

severely impair cell viability. In addition, after cross-linking, the porosity of the cellular 

matrix formed by the high concentration of bioink is reduced, thus limiting cell migration 

and nutrient transport. 

 

On the other hand, a low viscosity bioink can be printed at very low pressures and also 

helps to maintain cell viability. However, it often has extremely poor shape fidelity and 

cannot achieve the goal of printing multi-layer structures. Researchers have therefore 

undertaken a series of experiments based on low concentration bioinks to improve the 

shape fidelity of 3D constructs while ensuring cell bioactivity. In this direction, the 

development of combinations of bioinks is currently a promising solution. It can 

synergistically support printing by exploiting the joint advantages of two or more 

hydrogels in terms of cellular behavior and printing performance. 

 

The success of bio-printing also depends on other factors such as the performance, size 

and type of print nozzle. Due to the viscosity of the bioink itself and temperature variations, 

bioink can easily clog the nozzle during printing. It is therefore also very important to 

choose the right nozzle size 100. Crosslinking methods and times are also factors to 

consider. Cumbersome crosslinking methods and excessively long crosslinking times will 

seriously affect the viability of the cells 117. The density of cells mixed with the bioink is 

also a current research topic, as there is evidence that high density cell seeding facilitates 

connections between cells at a later stage, thus further promoting cell maturation and 

differentiation 118. However, low density cell seeding is more conducive to observing and 

comparing experimental results, such as initial cell viability 119. 

 

2.5.5. Considerations about bioinks for bioprinting smooth 
muscle cells 

 

Considering the ability of 3D bioprinting to fabricate cell-laden 3D constructs in a rapid, 

and straightforward manner, a wide variety of hydrogel-based biomaterials have been 

investigated for use as bioinks. Here the focus will be placed on three potential candidates 

for 3D bioprinting of smooth muscle cells for urinary tract regeneration: alginate, collagen, 

and gelatin methacrylate. 

 

Alginate is a natural biopolymer derived from brown algae and its unique double monomer 

repeating unit structure facilitates gel formation requiring simple ionic crosslinking to 
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complete the gelation process120. The viscosity of the alginate hydrogel can be adjusted by 

varying the concentration and cross-linking time to achieve a stable 3D printed construct 

structure. In addition, alginate offers a range of advantages such as water retention ability, 

biocompatibility, and low cost, making it the material of choice for many 3D bioprinting 

applications 121,122. Numerous alginates have been developed for use in tissue engineering, 

including urethral regeneration 123,124. However, despite their printing advantages, alginate 

hydrogels can be prepared in a very limited concentration range (2-4%) because of the 

effect of porosity on cell viability 125 . Even though lower alginate concentrations ensure 

higher cell survival, cells tend to exhibit poor cell adhesion in the gel as the polysaccharide 

does not contain cell-specific adhesion ligands, limiting further cell maturation and 

differentiation. In addition, the slow degradation kinetics of hydrogels limit their further 

application in the field of regeneration 121,126. 

 

Collagen is the most abundant protein in the ECM and can be obtained from natural 

biological materials 127. As a protein with a specialized fibrous structure, it plays an 

important role in supporting the mechanical properties of the ECM. There are several 

examples of the use of collagen scaffolds. On the other hand, collagen has been also used 

as a bioink for 3D bioprinting due to its good biocompatibility and biodegradability and 

low immunogenicity 128. However, collagen gels need to be cross-linked at 37°C before 

achieving a stiff structure, and too long a cross-linking time can affect the shape of the 

constructs 129. More importantly, although collagen can exhibit higher mechanical strength 

and viscoelasticity after cross-linking, its mechanical properties are not easily 

customizable, to adapt the bioink the specific cell or tissue type. For this reason, current 

research is focused on how to improve the mechanical strength of collagen scaffolds by 

adjusting the cross-linking method or by selecting other materials to be combined with 

collagen. On top of this, several attempts have been made to add biochemical factors to 

the scaffold to improve cell viability 130.   

 

Gelatin has gained some attention due to its collagen origin, and cells embedded in gelatin 

scaffolds have enhanced biological properties compared to synthetic materials, providing 

good biodegradability, biocompatibility and thus effective tissue integration between the 

scaffold and the cells 131. Gelatin is obtained from denatured collagen, which makes the 

material biocompatible and biodegradable for use in in vitro cell growth 132. Gelatin itself 

can form a gel-like structure, but its relatively low melting temperature greatly limits its 

use in tissue engineering applications 133. One strategy is to use photopolymerization, 

where cross-linking is accomplished by the addition of methacrylate 134.  Lysine functional 

groups on gelatin structures formed by methacrylation of methacrylated gelatin (GelMA) 

retains good bioactivity and can be cross-linked to form stable structures by simple UV 

exposure. This strategy can greatly improve the mechanical properties of gelatin and the 

effect can be adjusted by the intensity of the photopolymerization and the concentration 

of the bioink. Gelatin-methacrylate (GelMA) can take full advantage of the good 

biocompatibility of gelatin, combined with controlled photopolymerization, resulting in 

precisely constructed three-dimensional structures. As a result, GelMA is currently being 

developed and used extensively in the field of tissue engineering. However, the optimal 

conditions to allow cell maturation and extracellular base taking advantage of the GelMA-

based base are still unknown, and since the requirements for cellular activity and the 

viscosity required for bioprinting are often in conflict with each other, it remains a 
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challenge to optimize the GelMA concentration to achieve a balance between cell viability 

and printability. 

 

2.5.6. The effect of mechanical signaling on the regulation of SMC 
phenotype and differentiation capacity 

 

In addition to soluble biochemical factor signaling, cells in vivo have also been shown to 

be influenced by the mechanical properties of the ECM. Therefore, studies have focused 

on how cells respond to the mechanical properties of polymeric scaffolds. By varying the 

mechanical properties of the polymeric scaffolds, studies have shown the effect of matrix 

stiffness on cell spreading and motility135. These results have shown that cells on less stiff 

matrices spread less and are more motile. On the other hand, cells on substrates with higher 

stiffness show stronger dynamic focal adhesion. By altering collagen fibers at the 

nanoscale, McDaniel and coworkers showed that SMCs exhibit a synthetic phenotype and 

a rapid proliferation rate136. Another study by Yi et al. confirmed similar results. They 

found that when the stiffness of scaffolds was increased, that resulted in downregulation 

of contractile indicators such as -smooth muscle actin (α- SMA), myosin smooth muscle 

heavy chain, calmodulin and desmin, while gene expression of pathologically associated 

osteopontin (OPN) was upregulated137 Therefore, it is important to consider not only the 

printability when preparing SMC-based bioinks, but also the possibility that stiffness may 

alter the phenotype of SMCs. 

 

The urethra is functionally and structurally a dynamic organ that tends to perform a series 

of necessary mechanical stretches on the SMCs during the urinary cycle. Previous studies 

have shown that mechanical stimulation plays a key role in the regulation of smooth 

muscle cell phenotype 138, structure, and function 139, and even the effects on cell survival 
140. To meet the physiological functional and structural requirements of the graft, a range 

of mechanical stimulation techniques have been developed to mimic the physiological 

mechanical environment in vivo.  

 

As a common method to mimic the cyclic circumferential strain experienced by SMCs in 

vivo, cyclic tensile strain (CTS) specifically mimics the cyclic mechanical strain 

experienced by SMCs in vivo by applying mechanical stimulation to cells through 

alternating phases of stretch/relaxation and relying on the adjustment of stretch parameters, 

amplitude, and duration. Back in 2000, Nguyen et al. used the FX-4000T strainer to 

cyclically strain rabbit bladder smooth muscle cells for 4 h at 0.1 Hz and 25% maximum 

strain setting and found that mechanical stimulation promoted DNA synthesis and gene 

expression in normal bladder smooth muscle cells141. More recently, Chae et al. introduced 

mechanical stimulation to 3D printed engineered bladder smooth muscle tissue and found 

that mechanical stimulation played a role in promoting myogenic differentiation potential 

under 3D conditions 142. 

 

Understanding the mechanisms of action of mechanical stimuli in organisms that affect 

cell proliferation and differentiation is particularly important for the situations that grafts 

need to face. It has been proposed that the cellular response to mechanical forces occurs 

through a mechanotransduction process that transmits mechanical stimuli to the cell 

surface to the nucleus via various intracellular signaling pathways, and that this 
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biochemical signaling leads to the activation of signaling pathways that further affect cell 

proliferation, gene expression or cell death143. A previous study has shown that mechanical 

cycling activates the Rac1 pathway and its downstream mitogen-activated protein kinases 

(MAPKs). MAPKs are a family of serine/threonine kinases that include extracellular 

signal-regulated kinases (ERKs), c-Jun NH2-terminal protein kinases (JNKs) or stress-

activated protein kinases (SAPKs) and p38 MAPK. Cyclic stretch stimulates DNA 

synthesis and gene expression in normal bladder SMCs through multiple independent 

receptor systems and at least one MAPK pathway (p38 SAPK2) 141. Similarly, Rosalyn et 

al. had imposed cyclic stretch stimulation by using p38 stress-activated protein kinase 2 

(p38SAPK2) as a mediator of gene expression changes and DNA synthesis in rodent 

bladder smooth muscle cells (SMC). The results show that this effect is mediated by 

signaling through the p38 pathway and can be abrogated by p38 inhibitors 144. 

 

 

2.4.   Current status of urethral TE 
 

Due to the important role of the muscle layer in urethral regeneration, conditions that 

promote the maturation and differentiation of smooth muscle cells are of increasing 

interest. In addition to the mechanical properties of the hydrogel itself, mechanical 

stimulation has been shown to play an important role in the maturation and differentiation 

of muscle cells. Although previous studies have shown that mechanical stimulation 

promotes DNA synthesis in bladder smooth muscle, studies have mainly focused on two-

dimensional culture environments, whereas cells grow and mature in the three-

dimensional environment of the human body. While there is evidence that indicates that 

mechanical stimulation promotes myogenic differentiation under 3D conditions 142, the 

mechanisms underlying this regulatory effect are not yet clear. Furthermore, the 

application of cyclic stretch tends to be uniaxial, whereas the mechanical stimuli received 

by cells in the urinary tract in vivo is typically from all directions. In addition, studies have 

typically focused SMCs of arterial or pulmonary origin, and the cells are mainly in a 2D 

culture environment145.  
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CHAPTER 3. OVERVIEW OF PHD 
PROJECT 

 

 

The hypotheses of the PhD project are: 

 

1. A suitable hydrogel and cells combination can be bioprinted to create 3D structures in 

vitro that mimic the structure of the urethra. 

 
2. Mechanical signals play a key role in the differentiation of the cells in the urethral 

smooth muscle layer. 

 

In order to test these hypotheses, the project has the following objectives: 

 

Objective 1: To develop an in vitro model of the urethral smooth muscle layer using a 

novel 3D bioprinting approach 

 

Objective 2: Using the model developed in Objective 1, to investigate the effects of cyclic 

mechanical strain on smooth muscle cell differentiation. 

 

To address these objectives and test the hypotheses, two studies were designed and 

conducted as described below and outlined in Figure 5:  
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Figure 5. Outline of study design. In Study I, the physical properties of the hydrogels, printability, 
effects on cell viability, proliferation and differentiation were characterized before and after 
printing. In Study II, the effect of mechanical stimulation on the differentiation capacity of the cells 
is characterized under 3D culture conditions in hydrogels. Figure created with BioRender.com 
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CHAPTER 4. Materials and methods 

 
In this section, the rationale for the choice of materials and methods will explained or 

discussed. Table III summarizes the key experimental methods applied in each 

experimental study. Further specific description of the methodological steps and materials 

are presented in the papers corresponding to each study (Appendices II and III). 
 
Table III. An overview of methodologies applied in the individual studies. 

Study Study I Study II 

Preparation of hydrogel * * 

Characterization of bioinks 

(Rheology, mechanical properties, printability, and stability) 

*  

Cell culture * * 

3D bioprinting        *        * 

Cell viability (live/dead)        *  

Cell proliferation         *  

Cell differentiation (PCR/immunofluorescent staining)        *        * 

Surface modification of PDMS               * 

Cyclic strain                * 

 

4.1.   Selection of cells 
 
Different cell types have been used for tissue engineering of the urethra. The current 

research in this field was reviewed by comparing cell sources, proliferation capacity, and 

maturation potential (Appendix I). Primary smooth muscle cells (SMCs) are of key 

importance since they contribute to mechanical integrity of the urethra. Adipose-derived 

stem cells (ASCs) have shown promise as cell type for urethral regeneration because they 

are readily accessible, have potential to differentiate into urothelial and smooth muscle 

cells, and can secrete a variety of bioactive molecules. Therefore, in the beginning of this 

PhD project we focused in comparing these two cell types. 

 

In initial experiments, the ability of SMCs from human bladder and ASCs to differentiate 

into the contractile smooth myogenic phenotype in tissue culture plates was compared. 

Specifically, human ASCs were plated and grown to confluence in growth medium (GM, 

alpha-MEM supplemented with 10% FBS, 100 IU/mL penicillin and 0.1 mg/mL 

streptomycin). The GM was then replaced with smooth muscle differentiation medium 

(DM1, alpha-MEM supplemented with 1% FBS, 5 ng/mL TGF-β1, 2.5 ng/mL BMP4, 100 

IU/mL penicillin and 0.1 mg/mL streptomycin) and differentiated for 2 weeks. Finally, 

the smooth muscle differentiation medium was replaced with smooth muscle specific 

differentiation medium (DM2, Ham’s F12 supplemented with 1% FBS, 30µg/ml heparin, 

100 IU/mL penicillin and 0.1 mg/mL streptomycin) and the differentiation culture 

continued for 10 days. In parallel, bladder smooth muscle cells were first cultured in 

smooth muscle growth medium for 10 days (Ham’s 12 supplemented with 5% FBS, 

5µg/ml Insulin, 0.5ng/ml EGF, 12ng/ml FGF-b, 100 IU/mL penicillin and 0.1 mg/mL 
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streptomycin) and then replaced with smooth muscle specific differentiation medium 

(DM2, Ham’s F12 supplemented with 1% FBS, 30µg/ml heparin, 100 IU/mL penicillin, 

and 0.1 mg/mL streptomycin) for 10 days. 

 

 
Figure 6. Comparative characterization of the differentiation capacity of ASCs and SMCs. 
(Immunofluorescence images. Green: α-SMA; Blue: Nuclei. Scale bar: 100µm)  

 

At different time points cells were fixed and the differentiation level was evaluated by 

means of immunofluorescence staining (Figure 6). By comparing the expression levels α-

SMA, we found that bladder SMCs displayed a more intense and uniform differentiation 

pattern   than ASCs under the same conditions. Furthermore, the differentiation process of 

SMCs was simpler and less time-consuming. Considering that the subsequent experiments 

were in the in vitro model establishment stage, we chose bladder SMCs as the cell type 

for the subsequent experiments.  

 

4.2.    Development of bioinks for 3D bioprinting 
 

4.2.1    From pure GelMA to blend hydrogels (GelMA/Alginate) 
 
The development of cell-laden hydrogels is the focus of tissue engineering. In particular, 

gelatin methacrylate (GelMA) is currently a popular candidate due to its ability to mimic 

the natural muscle tissue environment and tunable properties 146. 

 

Previous studies have shown that low concentrations (i.e., ≤5 w/v %) of GelMA can 

maintain high cell stability and viability 147. However, its application is mainly limited by 

its low viscosity, which does not allow the creation of 3D constructions with high 

precision geometry. Even after curing, it still does not have sufficient mechanical strength 
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to maintain the pre-defined geometry 148. In contrast, GelMA at high concentrations (i.e., 
>15 w/v %) presents excellent printability due to its high viscosity, but the high 

mechanical strength required after curing limits the reaction and behavior of the cells in 

the bioink 149. Therefore, one of the biggest challenges for GelMA applications in tissue 

engineering is to balance printability with biofunctionality. 

 

         Based on the above findings and to explore the GelMA concentration suitable for 3D 

bioprinting, GelMA lyophilized from Cellink (Cellink AB, Gothenburg, Sweden) was used 

in the initial phase of the PhD and GelMA hydrogels were prepared at 5%, 10% and 15%. 

After mixing with SMCs, a ring-shaped model of the urethral smooth muscle was 

fabricated using a 3D bioprinter. The geometry of the model and its cellular response and 

behavior were evaluated. The results showed that 5% GelMA required low pressure to 

extrude through the printer nozzle due to its low viscosity. Despite attempts to increase PI 
concentration and UV curing time within a certain range, it was still difficult to build and 

maintain a highly accurate scaffold shape. On the other hand, the 15% GelMA exhibited 

low cell viability in the first three days after printing. This was as expected to understand 

since 15% GelMA usually requires higher pressure to be extruded, and high pressure may 

affect cell viability. In contrast, 10% GelMA appeared to strike some balance between 

printability and biofunctionality, but was still not viscous enough for bioprinting. In 

addition, GelMA hydrogels were extremely sensitive to temperature changes in the 

printing environment, and the shape of the hydrogel could change slightly during printing, 

which could lead to nozzle clogging. A possible solution to the above limitations was to 

add a different material to improve the printability of the bioink while maintaining high 

cell viability with a lower concentration of GelMA. 
 

Alginate is widely used in tissue engineering due to its biocompatibility and low cost. 

Alginate has been shown to interpenetrate GelMA to improve its mechanical properties. 

While alginate does not have intrinsic cell adhesion motifs (i.e., RGD peptide sequence), 

GelMA can provide an RGD pattern for cell attachment to functionalized alginate and thus 

become a matrix to which cells can adhere 150. Thus, the combination of GelMA and 

alginate provides an opportunity to improve the bioink formulation for tissue engineering. 

While it is possible to find commercial formulations of GelMA/alginate, their 

compositions are undisclosed. 

 

Although alginate can increase the strength of GelMA, excess alginate also reduces the 

biofunctionality of the blend bioink. Therefore, it is important to choose a suitable 
concentration range for alginate. Zhu et al. investigated the printability of hybrid hydrogels 

with different alginate concentrations based on a 7% GelMA hydrogel. Their team 

concluded that the alginate concentration should generally be controlled in the range of 1-

5% 125. Further combined with the range of shear rates obtained from Cellink's viscosity 

tests for different concentrations of alginate (1%, 3% and 5%), we chose alginate 

concentrations of 1.5% and 3% respectively. Considering the advantage of low 

concentrations of GelMA in preserving cell viability, the final experimental groups were 

set at GelMA/alginate concentrations of G1 (5/1.5), G2 (5/3), G3 (7.5/1.5) and G4 (7.5/3). 

G5 consisted of pure GelMA (10%) and served as a control group. 
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4.2.2. Preparation of the hydrogel 
The preparation of hydrogels was mainly divided into three stages. In the first stage, the 

alginate (Sigma-Aldrich) was first dissolved in PBS at room temperature. As this solution 

had to be mixed with the GelMA hydrogel in a 1:1 ratio, the concentration of dissolved 

alginate powder at this point was twice the final required concentration. During the 

sterilization phase, it is not only important to ensure optimal sterility of the hydrogel, but 

also preserve as much as possible the physical and chemical properties of the hydrogel for 

bioprinting. On this basis, and by comparing the main methods of autoclaving, ethanol 

washing and UV irradiation, UV irradiation was the alginate sterilization method that met 

our experimental requirements 151. Briefly, after complete dissolution of the alginate, the 

hydrogels were placed in a Stratalinker 1800 UV crosslinker (Stratagene, California, 

USA) and irradiated for 20 mins at with a UV wavelength of 250 nm. 

 

In the second stage, the appropriate concentration of reconstituted photoinitiator was first 

prepared according to the protocol recommended by Cellink. Although the LAP 

concentration commonly used in bioprinting (<0.5% w/w) has not been shown to be 

cytotoxic, high concentrations of LAP can also cause varying degrees of damage to cell 

membranes 152. In conjunction with the recommended concentrations of Cellink products, 

we chose a concentration of 0.25% for the LAP solution. Using a sterile 0.22 µm syringe 

filter, the PI solution was filtered into a sterile15 ml Falcon tube and used to dissolve the 

GelMA lyophilizate. 

 

In the third stage, the two hydrogels were mixed thoroughly mixed in a 1:1 ratio and the 

mixed hydrogels were stored away from light. All hydrogels are stored at 37°C until 

further use. Different storage conditions may affect the properties of the hydrogels. We 

tried storing them at 4°C for 1 week and then warming them before the experiment. The 

rheological tests showed a significant change in the properties of the above stored 

hydrogels compared to the freshly formulated hydrogels, while the properties of the 

hydrogels stored in the incubator at 37°C for a short time did not change significantly. 

 

4.2.3. Characterization of hydrogels 

 

Once the bioink was developed, the printing conditions had to be optimized to maximize 

the resolution and reproducibility of the process. Among the parameters that influence the 

printing process, the rheology is an important aspect. In conjunction with the important 

role that the mechanical properties of bioinks play in influencing cell proliferation and 

maturation, the rheological and mechanical properties of hybrid bioinks were tested in 

Study I. 

 
4.2.3.1. Rheological properties 

The printing temperature (28°C) was first set under the AR-G2 rheometer (TA 

Instruments, New Castle, DE) operating system and mechanical spectroscopy was 

performed over a frequency range of 0-100 rad s-1 to assess the stability of each group of 

hydrogels at the original printing concentration. A temperature scan was then performed 

to cool the GelMA solution from 37°C to 2°C at a cooling rate of 5°C/min to assess the 

effect of different hydrogel combinations on the gelation process. As the gelation process 

is time-dependent, further time scans were performed at 28°C (printing temperature) and 
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10°C (platform cooling temperature) to obtain the gel state of all gel combinations during 

the printing and cooling phases respectively. 

 

4.2.3.2. Mechanical properties 

 

To further quantify the mechanical properties of different hydrogel combinations after 

curing, we applied a commercial nanoindenter (Chiaro, Optics11). The device can assess 

sample deformation by detecting and quantifying the degree of cantilever bending during 

indentation. The instrument is equipped with a cantilever beam connected to the system 

by an optical fiber that scans the sample with the probe tip. The cantilever ends when the 

probe contacts the sample, and the optical fiber in the probe can record and detect this 

change in displacement. Through a series of non-destructive analyses, the corresponding 

results are displayed graphically and mathematically in the Optics 11 software. 

 

In preparing the test samples, two methods were used. First, we used a dropping method 

to directly deposit the hydrogel directly onto the surface of a Petri dish. This method was 

easy to handle, the shape of the sample was easy to control, and the surface was uniforms. 

However, the spherical shape of the droplet was an issue since indentations should be 

made on a horizontal surface. The probe tip is very sensitive to the uppermost area of the 

droplet, so the area in which measurements can be made is extremely limited. As a second 

approach, we used Sigmacote-modified coverslips to help solidify the hydrogel. This 

method could ensure the flatness of the surface of the hydrogel. However, when the 

coverslip was removed, tiny defects appeared on the surface of the hydrogel. At the same 

time, when the coverslip is removed, the cured hydrogel could easily detach from the 

surface of the Petri dish. Since the measurements are typically performed in solution, it is 

important to ensure that the sample adheres to the surface of the test platform. To this end, 

a 20-mm microwell was created in an ordinary 35-mm glass-bottomed Petri dish and 

pipetted 60 µl of the hydrogel sample into the microwell, which, together with the coating 

of a cover glass, forms a thin, flat structure. The microwell effectively prevented the 

sample from detaching when the coverslip used to flatten the hydrogel was removed. 

 

Before calibration began, the integrity of the probe and the absence of air bubbles on the 

top of the probe were checked to ensure that wave propagation between the cantilever and 

the light was maintained. A new calibration procedure was performed each time the liquid 

environment was changed. The calibration procedure first ensured that the probe was fully 

immersed in the liquid to avoid interference from surface tension. After a signal of normal 

strength was found, the instrument was activated to search for the surface, and when the 

surface was found, the calibration factor was determined. 

 

After setting the displacement control, the search for the surface was performed again 

before the test, and the probe stopped a few micrometers above the surface. Then the 

actual measurements were performed. The displacement control mode was run to ensure 

that the initial Hertzian fit of the load indentation curve began at a load of zero. The 

matrix indentation mode was activated and each specimen was indent 25 times in a 5 x 5 

matrix scan with each indentation point 30 µm apart to measure the elastic modulus. The 

effective elastic modulus was calculated and the Hertzian model was used to determine 

the distribution of the elastic modulus over the surface. 



36  

4.3.   Cell source 

The human bladder SMCs used in the two experimental studies of this thesis were obtained 

from two different suppliers. In the first study, the primary SMCs from were able to mature 

and differentiate in the hydrogel. However, after few passages, the cells appeared to 

decline their proliferation rate significantly and, more critically they lose their ability to 

differentiate. The human smooth bladder cells used in the second study were from the 

ATCC (LGC standards). Interestingly, under the same hydrogel combination conditions, 

the differentiation of these cells appeared to be more prominent. The specific culture 

procedure was described in a separate manuscript and is not repeated here. 

 

4.4.   3D bioprinting procedure 
 

In Study I, the bioinks consisted of different concentrations of GelMA and alginate, 0.25% 

(w/v) photoinitiator (LAP) and human bladder SMCs. The cross-linking solutions 

contained 0.1 M CaCl2 and were prepared in Milli-Q water. For better observation of cell 

spreading, a relatively low cell density (2 x 106 cells/ml) was used in the experiments. 

Circular muscle layers are widely observed in vivo (e.g., the external urethral sphincter) 

and are essential for the maintenance of physiological processes. The structural 

organization of these muscle cells plays an important role in regulating cell patterns 

(spatial distribution of cells) and cellular arrangement to maintain muscle function. To 

simulate the circular external urethral sphincter in vitro 153, a circular 3D structure with a 

diameter of 3 mm was designed and built at this stage, considering the actual diameter 

range of the urethra. Due to the sensitivity of GelMA to printing temperature, a 

temperature-controlled print head was chosen for the experiments. When it came to the 

choice of nozzle and needle, we favored the latter. Although plastic nozzles are easier to 

extrude hydrogels, due to the properties of GelMA, the nozzles can easily get clogged 

during the actual printing process. Considering the dual evaluation criteria of 

biofunctionality and printability, a needle with a diameter of 0.20mm was finally chosen 

for the experiment. Regarding the order of the two curing methods for hybrid hydrogels, 

previous study favored a strategy of ionic curing first, followed by UV irradiation 119. 

However, after our comparison of the different sequences it was found that UV irradiation 

followed by ionic curing was clearly more beneficial for maintaining the geometry of the 

three-dimensional construct. In choosing the curing wavelength, a 405 nm light-curing 

module was used, as overexposure at 365 nm could damage the cells. In combination with 

the actual size of the 3D constructs, after comparing different curing times, the final 

decision was 15s for UV irradiation and 2mins for ionic crosslinking. 

 

The hybrid hydrogel G4 developed in Study I was applied to Study II. At this stage we 

focused on testing the effects of mechanical stimulation on the maturation and 

differentiation of bladder smooth muscle cells and therefore applied a higher cell density. 

As printability was no longer a focus at this stage, a square 3D construct was developed 

and applied. The larger contact area between the square construct and the surface of the 

plate allows further strengthening of the adhesion between the 3D construct and the plate 

for mechanical stimulation. The relevant needle types and printing parameters have 

therefore been changed accordingly. 
Table IV: Parameters of bioprinting process in the two studies. 
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Printing Parameters Study I Study II 

Model Ring-like structure 

(cylinder 3x0.6 mm) 

Square-shaped structure 

(10x10x1 mm.) 

Cell density 2 x 106 cells/ml 3 x 106 cells/ml 

Print plate Standard 6-well plate  Methacrylate-modified 

or amino-modified 

Bioflex plate  

Print head Temperature controlled Temperature controlled 

Nozzle inner diameter 

(mm) 

0.20 0.33 

Pressure (kPa) 18-25 16-20 

Printing temperature (°C) 26-30 26-30 

Cooling receiving platform 

temperature (°C) 

10 10 

Crosslinking method  UV (405nm) light 15s 

followed by 0.1 M CaCl2 

ionic crosslinking for 2 

mins. 

UV (405nm) light 30s 

followed by 0.1 M 

CaCl2 ionic crosslinking 

for 3 mins. 

 

4.5.   Printability and stability 
 
After the printing parameters have been defined, the study of print fidelity is an important 

part of assessing bioinks. Printability here is assessed primarily on the basis of the shape 

and size of the 3D constructs. Images of the constructs were taken immediately after 

printing and 14 days after 3D printing and crosslinking using the same type of needle, the 

same print environment, and close print factors under a microscope (Zeiss Lumar V12 

Stereoscope) and AxioVision Rel (Carl Zeiss). Cellink XPLORE Cellink XPLORE is a 

test ink with good printability and adhesion developed by Cellink, was used as a control. 

The images were processed by Image J and the average cross-sectional area of each group 

of bioinks (6 samples per group) was divided by the average cross-sectional area of the 

control group to obtain the group of bioinks closest to the standard sample group. 

 

4.6.  Surface modification of PDMS 
 

To verify the effect of mechanical stimulation on SMCs maturation and differentiation in 

3D constructs in vitro, the 3D constructs were immobilized on the surface of the plate and 

mechanical stimulation was applied. However, the hydrophobicity of PDMS prevents it 

from achieving sufficient adhesion to hydrogels, limiting its applicability 154. The current 

tissue dynamics studies applied to the Flexcell system mainly rely on the tissue train® 

culture plates, but these plates only allow uniaxial strain regimes, while cells in the urinary 

tract experience multiaxial strains. 

 

Cha et al. A method to tune the adhesion of hydrogels to PDMS surfaces by covalently 

attaching alginate to PDMS surfaces is presented 155. (Appendix II Figure 1) According to 

the protocol, we first modified PDMS with -NH2 to achieve alginate adhesion. However, 

after repeated testing, the adhesion properties between the hydrogel and the plate surface 
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did not show a significant improvement. This may be due to our insufficient curing time, 

as too long curing time can severely impair cell viability. Another reason could be that we 

modified our original protocol and chose to cure the alginate layer before further curing 

with the constructs, mainly because the printer nozzle was unable to print effectively on 

the liquid hydrogel surface. This process may also have affected the curing effect as the 

alginate layer was not acting as a 'glue' to co-cure with the construct. In an alternative 

approach, we provide methacrylate after plasma treatment of the board surface and add a 

20% solution of TMSPMA to help the hydrogel adhere to the board surface. The dilution 

solution we have chosen here is absolute ethanol. Compared to dilution with a toluene 

solution, anhydrous alcohol not only acts as a disinfectant but also provides a better 

environment for cell growth. 

 

4.7.   Cyclic strain 
 

After 7 days of incubation with growth medium, all experimental groups were switched 

to differentiation medium. The static group was not used with circulating strains and the 

control group was discontinued. For the remaining three groups containing or not 

containing SB202190, the same cyclic stretching was applied to the cells using a 

computer-controlled vacuum stretching device (FX-5000T Tension Plus System, FlexCell 

International Corporation). Specifically, a standard circular piston with a diameter of 25 

mm was selected for isometric strain. Based on previous study 156, the peak amplitude was 

set at 5%, the frequency at 0.1 Hz and the duration of the stretch pulse at 1s to maintain 

optimal proliferation and contractility of the bladder smooth muscle cells. Continuous 

stimulation and stretch cycles were performed at the same time for 1 hour each day for 6 

days. 

 

However, given factors such as the stretching device and the film thickness of the Flexcell 

plate, the actual peak amplitude acting on the cells may not match the theoretical value of 

the system setup. To test this hypothesis, experimental conditions were simulated. The 

plate was mounted in a Flexcell system and placed under a microscope (Zeiss Lumar V12 

body lens) through this device. Different strain regimes (from 0 to 5% deformation) were 

gradually applied to the plate, and images of the 3D constructs on the membrane were 

captured at each stage with an AxioVision Rel (Carl Zeiss), with six photographs per set. 

The photographs were then analyzed using ImageJ software to obtain the cross-sectional 

area of the 3D constructs presented in six different states for each set of photographs. 

Using the static cross-sectional area as a reference, strain curves were obtained for 

different strain scenarios. By calculating the slope, the actual maximum strain applied to 

the construct in three dimensions for the strain scenario set to 5% was derived. 

 

4.8.   Cell viability assay 
 

Staining of live and dead cells was performed immediately after printing, one day after 

printing, and seven days after bioprinting, respectively, to investigate how the printing 

process affects cell viability and how various mechanical properties affect cell spreading. 

Using Image J (NIH, USA), the number of live cells (green) and dead cells (red) was 

counted in each field of fluorescence images from six separate fields of the bioprinting 

construct. At least 100 cells were counted for each group, and the percentage of viable 
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cells was calculated using the following equation. 

 

%Cell viability=live cells x 100/(live cells +dead cells) 

 

4.9.   Cell proliferation within 3D constructs 
 

A resazurin-based proliferation assay was used at different timepoints after bioprinting to 

assess the impact of various hydrogel groups on cell proliferation. 

 

To the wells containing the cell constructs, 100 µl of Alamar Blue reagent (equivalent to 

10% of the volume of medium per well) was added at each time point, and they were then 

incubated at 37 °C for 24 hours. Wells containing cell-free constructs served as negative 

controls. Then, 100 µl volumes were transferred (in duplicate) to 96-well microplates, 

where they were then analyzed for fluorescence using a multimode microplate reader 

(EnSpire, PerkinElmer). Fluorescence was observed at wavelengths of 560 nm for 

excitation and 610 nm for emission, respectively. After fluorescence measurement, the 

constructs were washed once with PBS, and then fresh GM was added. 

 

Calculation of doubling time allowed comparison of cell proliferation rate based on 

measurement of fluorescence intensity. The reported mean fluorescence intensity was 

calculated by averaging the results obtained at each time point and subtracting the mean 

of the negative control. Using Microsoft Excel, the mean values for each group were then 

compared to an exponential trend in the form of a Y= A × eBx line fit, where Y represents 

the mean fluorescence intensity at time x, A the initial cell number, and B the frequency 

of unit time cell cycles. B is calculated, and td is calculated as td = (ln 2)/B. The cell 

proliferation rate of each group can be calculated by comparing their td values. 

 

   4.10.   Immunofluorescence staining 
 

The SMC cell-containing constructs were cultured in growth medium for 7 days before 

transferring to differentiation medium (Ham's F12 medium supplemented with 1% fetal 

bovine serum, 30 g/ml heparin, and 1% P/S) for an additional 7 days. After fixation in 

formalin (10% neutral buffer) at 37°C for 15 minutes, the 3D cell- loaded constructs were 

blocked with 1% bovine serum albumin in PBS for 30 minutes at room temperature. 

Consistent with the antibodies previously used in the laboratory, diluted anti SMA 

antibody, anti-smoothelin, and anti-smooth muscle MHC from Abcam, Cambridge, UK, 

were used to characterize the different stages of smooth muscle cell development. Primary 

antibodies were incubated at 37 °C in a humid chamber. Secondary antibodies were then 

applied to the 3D constructs, which were incubated at room temperature for one hour. All 

groups displayed SMA positive cells, but none of the groups displayed positive smoothelin 

or MHC fluorescence. The fixation method and the duration of incubation of the primary 

antibody were systematically changed, while maintaining the other variables. Fixation was 

performed using 100% methanol as the new fixative for 5 minutes at room temperature. 

After the incubation time of the primary antibody was changed to 4 °C overnight, MHC 

showed positive fluorescence results in all groups to varying degrees. In contrast, the 

fluorescence of smoothelin remained negative in all groups. Therefore, this marker was 

not selected for further analysis. The area occupied by each protein (SMA and MHC) at 
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day 14 and the aspect ratio of the nuclei were further quantified using the previously 

obtained fluorescence images to evaluate the average cellular fluorescence intensity and 

cell morphology in each group of hydrogels. 

 

4.11.   qRT-PCR 
 

To quantify the transcript levels of genes involved in SMCs differentiation, quantitative 

real-time PCR was performed in both Study I and Study II. 

 

Different collection methods were used to obtain RNA in the two studies. In Study I, the 

constructs with cells were first removed from the culture plate and transferred to a 

microcentrifuge tube containing liquid nitrogen, which was ground to a powder. This 

process is difficult to manipulate and results may lead to significant RNA loss. Therefore, 

in Study 2 we chose Cell-Collect-A (Cellink) to solubilize the hydrogels to obtain higher 

quality RNA. In short, after removing the cell culture medium, Cell-Collect-A reagent was 

added to the desired wells. The entire well plate was placed on a cell shaker at room 

temperature for 2 hours to achieve complete lysis. The lysed ECM cell suspension was 

then filtered through a cell strainer, centrifuged for 5 minutes and the supernatant 

removed. For the RNA extraction phase, the Aurum Total RNA Mini Kit (Bio-Rad, 

Copenhagen, Denmark) was used in both studies. 

 

RNA quality was measured using a spectrophotometer (NanoDrop; Thermo Fisher 

Scientific, Wilmington, DE, USA). Using the NanoDrop, the RNA measurement system 

was set up (260/280 nm) and 1 µl of RNA elution solution was used as a blank and 1 µl 

of sample was used to measure RNA concentration. Before cDNA synthesis began, we 

normalized the amount of RNA template to the sample with the lowest amount of RNA. 

Complementary DNA (cDNA) was synthesized using the iScript cDNA synthesis kit (Bio-

Rad, Copenhagen, Denmark). 

 

To assess gene expression at various stages of smooth muscle cell differentiation, five 

markers associated with smooth muscle contraction and two ECM-related markers were 

set as target genes. After testing a set of primers previously used in the laboratory 157, it 

was found that only ACTA2 and CALD1 were expressed normally in the bladder SMCs. 

Therefore, three additional target genes were redesigned. The procedure and criteria were 

as follows. In the NCBI web interface, a new "Primer-Blast" window was opened (see 

Table V for specific settings). In showing all primers, we followed the following reference 

criteria. a) Tm ≤ 63°C or CG < 70 %, and the Tm of both primers should be as similar as 

possible; b) no 4 similar nucleotides in a row; c) at most 3 C or G in the last 5 bases at 

both ends of the primer; d) A or T at the 3' end; e) selection of primer sets with low self-

complementarity < 6.  
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Table V. Settings for designing primers. 

Primer parameters PCR product size: 120-150 

Primer melting temperature (Tm): 60-63 oC 

Exon/intron selection Primers must be spaced from at least one intron on the 

corresponding genomic DNA 

Primer specificity 

stringency 

Primers must have at least 4 mismatches with unintended 

targets, including at least 2 mismatches within the last 4 

bps at the 3' end 

Primer Parameters Primer size: 18-25 base pairs 

Primer GC content (%): 20-70 

Max Poly-X: 3 

Max GC in primer 3’ end: 3 

 

A primer optimization procedure was performed to select the best primers and 

temperature. Specifically, each primer was diluted to 10 pmol/µl, and cDNA samples were 

diluted 1+99 in dH2O, and then different temperature grids were established by adding 

samples with or without cDNA to select the optimal annealing temperature. After 

identifying the gene of interest, qRT-PCR was performed. Each reaction consists of 

cDNA, IQ SYBR Green Supermix (Bio-Rad), and target-specific primers. Reactions were 

performed on a CFX Connect Real-Time PCR instrument (Bio-Rad, Copenhagen, 

Denmark). (Table VI) 

 
Table VI.  List of primers used in the two studies 

Gene 

symbol 

Forward primer 

sequence 

Reverse primer sequence Annealing  

temperature 

ACTA2 5′-AGC AGC CCA GCC 

AAG CAC TG-3' 

5′-AGC CGG CCT TAC 

AGA GCC CA-3′ 

60°C 

SMTN 5'-CGC-GTG-TCT-AAT-
CCG-TCG-GT-3' 

5'-CGT-CGG-TTC-CTT-
TCT-GGT-GA-3' 

60°C 

CNN1 5'-GTT-CGG-AGA-

GGA-GAG-GCA-AA-3' 

5'-AGG-CCG-TCC-ATG-

AAG-TTG-TT-3' 

60°C 

CALD1 5’-TCT-GAG-CCT-TCT-

GGT-3’ 

5’-CCT-CGG-GAA-

GAA-GTT-3’ 

60°C 

MYH11 5'-TGC-TTC-AAG-ATC-

GGG-AGG-AC-3' 

5'-GGC-CTT-GCG-TGA-

TAC-TTG-TG-3' 

60°C 

COL1A1 5'-CCT-GGA-TGC-CAA-

AGT-CT-3′ 

5'-AAT-CCA-TCG-GTC-

ATG-CTC-TC-3′ 

62°C 

ELN 5'-AAG-CAG-CAG-

CAA-AGT-TCG-GT-3′ 

5'-ACT-AAG-CCT-GCA-

GCA-GCT-CCA-TA-3′ 

62°C 

PPIA 5'-TCC-TGG-CAT-CTT-

GTC- CAT-G-3' 

5'-CCA-TCC-AAC-CAC-

TCA-GTC-TTG-3' 

60°C 

YWHAZ 5'-ACT-TTT-GGT-ACA-

TTG-TGG-CTT-CAA-3' 

5'-CCG-CCA-GGA-CAA-

ACC-AGT-AT-3' 

60°C 

GAPDH 5'-ATG-CCT-CCT-GCA-

CCA-CCA-ACT-3' 

5'-ATG-GCA-TGG-ACT-

GTG-GTC-ATG-AGT-3' 

60°C 



42  

CHAPTER 5. SUMMARY OF THE 
RESULTS 

 
Detailed results are described in each manuscript (Appendix II-III). In this section a brief 

overview of the main findings will be given. 

 
5.1.   First hypothesis 

In vitro bioprinting of a stable 3D urethral smooth muscle model with high cell survival 

and induction of smooth muscle differentiation towards a contractile phenotype was 

possible using a hydrogel blend consisting of 7.5% (w/v) GelMA-3% (w/v) alginate. 

 

To develop an in vitro 3D model that simulates the structure of the urethra, in the initial 

stages of the PhD project the current status of cell sources and manipulation approaches 

for application in urethral tissue engineering was reviewed (Appendix I). The 

comparison, as well as experimental results described in section 4.1, showed that smooth 

muscle cells have more advantages than adipose-derived stem cells in terms of culture 

time and differentiation degree. 

 

Four different hydrogel formulations were prepared by combining different proportions 

(%w/v) of GelMA and alginate: G1 (5/1.5), G2 (5/3), G3 (7.5/1.5), and G4 (7.5/1.5). 

10% GelMA served as the control group. Circular constructs were fabricated using an 

extrusion-based bio-printer with human bladder SMCs to mimic the circumferential 

smooth muscle layer of the urethra. First, rheological studies were performed on the 

hydrogels to understand their basic behavior. (Appendix II Figure 1). The results showed 

that at a constant printing temperature the viscosity of the hydrogel increased when the 

concentrations of GelMA and alginate were increased. When the temperature sweep was 

gradually lowered from 37 °C to the gel temperature range (20-30 °C), each group of 

hydrogels became stiffer. Pure GelMA solution (10%) showed a sol-gel transition 

rapidly at a narrow temperature range and reached the gel point faster.  

 

All of blend hydrogels were able to maintain a stable gel state during the 3D printing 

process, which considerably reduced the limitations of pure GelMA in regard to its 

sensitivity to the temperature fluctuations. This was demonstrated by scanning at printing 

temperature and cooling temperature. It was demonstrated by examining the mechanical 

properties of each group of hydrogels after curing that, given the identical cross-linking 

procedure and time, the various concentrations of hydrogel polymers were responsible 

for the variations in each group's mechanical properties (Appendix II Figure 2). Analysis 

of the geometry and printing precision of the structures created from each set of 

hydrogels after 3D printing revealed that 7.5% GelMA-3% alginate had superior 

structural fidelity (Appendix II Figure 3). 
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Regarding cell viability, SMCs cultured in each of the five hydrogel groups had viability 

greater than 75% in the first two days after printing, indicating that the printing process 

had little effect on cell viability. The high cell viability was still present in each group 

on day 7 after printing, showing that the SMCs were able to achieve normal cell 

spreading and proliferation in the constructs in each group (Appendix II Figure 4). The 

mixed G3 and G4 hydrogels had higher proliferation rates, as shown by a comparison of 

cell proliferation rates (Appendix II Table II).  

 

PCR was used to further assess the degree of SMC differentiation in each group of 

hydrogels seven days after the switch from growth medium to differentiation medium. 

Compared to the other hydrogel components, G4 likely provided the optimal 

environment to promote smooth muscle development towards a contractile phenotype 

and extracellular matrix (Appendix II Figures 4-6). Quantitative analysis by 

immunofluorescence and images showed that G4 presented a higher mean cellular 

fluorescence intensity for both SMA and MHC. The aspect ratio of the nuclei confirmed 

that G4 contained more elongated smooth muscle cells. 

 

These findings imply that this approach may offer a feasible bioprinting platform for 

investigating smooth muscle phenotypic adaptation in three dimensions and that 7.5% 

GelMA-3% alginate may be a candidate hydrogel combination for bioprinting tissue 

engineered SMC constructs relevant for studying urethral regeneration. 

 

5.2.   Second hypothesis 
 

Bioprinted bladder smooth muscle constructs subjected to cyclic mechanical stimulation 

exhibit improved contractile characteristics via p38 activation. 

 

In study II, utilizing the optimal GelMA-alginate hybrid hydrogel combination developed 

in study I, we created an in vitro model to examine the impact of cyclic strain on bladder 

SMCs and the mechanism underlying this effect. Low adhesion commercially available 

plates were tailored to support adhesion of the hydrogels for application of cyclic strain to 

3D printed cell constructs. 

 

The degree of cell differentiation was examined by PCR and immunofluorescence. The 

results of PCR showed that all smooth muscle contraction-related markers were expressed 

to a higher extent in the cells of the four experimental groups than in the SMCs of the 

control group (cultured for 7 days in GM) after 6 days of differentiation and culture. Five 

differentiation markers showed significantly higher expression levels in the strain group 

compared with the other three experimental groups. The additional inhibitor concentration 

was inversely related to the differentiation level in both inhibitor groups. For the five 

markers, the group with the high concentration of inhibitor (Sb20) showed similar 

differentiation to the static group. This shows that the effects of mechanical stimulation 

on cells are almost neutralized by the p38 inhibitor at a concentration of 20 µM.  

(Appendix III Figure 2) 

 

Immunofluorescence staining was used to identify the smooth muscle-specific contractile 
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proteins α-SMA and MHC to further evaluate the ability of the SMC-loaded constructs to 

differentiate under varied growth conditions. Figure 3 in Appendix III illustrates how 

smooth muscle cells varied in their expression levels of certain markers under various 

culture conditions. Consistent with RT-qPCR, it was discovered that cells in the strain 

group had significantly enhanced expression of α-SMA and MHC than those in the static 

group. The immunofluorescence intensity of cells in the constructs under strain with low 

quantities of inhibitor was also noticeably higher than that in the high concentration 

inhibitor group when comparing the effects of cyclic stretching in the presence of various 

amounts of inhibitor. Quantitative analysis of IF images (Appendix III Figure 4) and 

confocal microscopy images (Appendix III Figure 5) all showed similar results. 

 

Study II showed that mechanical cycling stimulation promoted smooth muscle cell 

differentiation in 3D structures, and this effect was mediated through activation of the p38 

pathway. Our results provide evidence for the differentiation of bladder smooth muscle 

cells in 3D, which may serve as a rationale for further mechanical stimulation. The results 

of this work are critical for a better understanding of how mechanical signals from the 

microenvironment are essential for maintaining the contractile phenotype of SMCs.  
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CHAPTER 6. GENERAL DISCUSSION 

 
6.1.    Choice of components for the bioink 
 
In developing the optimal bioink, the first step was to consider the individual components 

of the bioink: the hydrogel, the photoinitiator, and the cell type. The hydrogel components 

selected were those previously shown to be capable of forming high-resolution tissue-like 

structures and promoting cell proliferation and differentiation 158. GelMA hydrogels were 
initially selected for their excellent biocompatibility, photo-crosslinking, and adaptable 

physicochemical properties 159. However, the high GelMA concentrations required to 

maintain structural fidelity had a detrimental effect, likely by reducing swelling and 

narrowing pore size, which restricted the diffusion of oxygen and nutrients required for 

cell survival, resulting in poor cell viability 148. In addition, the highly temperature-

sensitive rheological behavior of GelMA further limited its stability and consistency 160. 

 

The strategy to solve these problems was to add alginate to increase the viscosity of the 

hydrogel. This approach offered the possibility to create constructs with high shape 

fidelity after crosslinking and to form stable filaments during the printing process. In 

addition, the choice of photoinitiator was also a focus, particularly with respect to the 
wavelength of light that must be used to crosslink the bioink. Several studies have shown 

that ultraviolet radiation may damage the DNA of cells, and depending of the dose it may 

lead to cell death, genomic mutations, or carcinogenesis. Therefore, when comparing the 

options of the bioprinter used in this study (Cellink, BIO X), the light source with a 

wavelength of 405 nm was preferred to that with 365 nm. 

 

Compared to conventional photoinitiators (e.g., Irgacure 2959), LAP is more suitable for 

biological applications due to its excellent water solubility, cytocompatibility and other 

properties. Moreover, its absorption at 400 nm enables cross-linking at 405 nm UV light 
161. Finally, regarding the cell type, based on the structural and functional requirements for 

urethral regeneration, smooth muscle cells and adipose-derived stem cells were initially 

selected as candidate cells. By further comparing the differentiation ability and 
experimental duration in conjunction with the practical requirements of the experimental 

model, smooth muscle cells were finally selected as the cellular choice for this experiment. 

 

6.2.   Characterization of bioinks 
 
To address the shortcomings of GelMA, a hybrid hydrogel containing alginate was 

investigated. Based on previous study on the range of application of the two concentrations 

of hydrogels, a series of experimental groups were prepared with in different ratios 125. 

When the rheological properties were tested (Manuscript 2, Figure 1b), it was found that 
alginate helped to reduce the interaction between gelatin chains and the thermal behavior 

of GelMA. This meant that GelMA/alginate hybrid bioinks could better adapt to the 

printing environment where temperatures usually change. And due to the high loss 

modulus of alginate, it appeared to be viscoelastic and maintain a range of viscosities, 

making it easier to control rheology during the printing process. 
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6.3.   Printing optimization of bioinks 
 
To optimize the printing process, the cooling time of the mixed hydrogels after removal 

from the incubator was first adjusted to the different properties of the different hydrogel 

groups. Finally, it was found that the hydrogel groups were essentially viscoelastic 

solutions at a printing temperature of 28 °C, and this low viscosity state promoted 

continuous printing of the bioink and could effectively prevent clogging. 

 

Additionally, it was discovered that the accuracy of the printed structures was directly 

correlated with the concentration of GelMA and alginate when comparing the printability 
of the hydrogels in each group. The findings here were in line with previous reports in the 

literature 162, which found that printability decreased with decreasing final polymer 

concentration in a GelMA/alginate mixture. It's important to remember that printability 

can still be improved even with G5's higher GelMA concentration. Additional factors that 

can be improved include curing time and photoinitiator concentration. Alginate was added 

to the G3 and G4 groups in this experiment, enhancing their capacity to print in the same 

printing environment and yielding extremely accurate and stable printable structures at 

low GelMA levels. This might be because, following UV crosslinking, the ionic 

crosslinking of Ca2+ increased the mechanical strength even further. GelMA and alginate 

final concentrations should be larger than 11%, according to earlier research, to construct 

3D structures with stable geometries 162. However, in our research, highly precise and 

printable structures could still be made for your top at final concentrations below 11%. 
This was due to the temperature-adjustable printing platform on the BIO-X bioprinter we 

employed, which, by lowering the printing platform's temperature, can help the newly 

created 3D constructions maintain a stable morphology and avoid collapsing in the first 

place. 

 

High shear pressure in extrusion-based bioprinting has a significant impact on cell 

viability, according to earlier study 163. Therefore, to maximize cell viability while 

guaranteeing that the hydrogel could be printed continuously, the size of the printing 

nozzle, printing pressure, speed, and curing time were all optimized. Another factor that 

lowers cell viability is exposure to UV radiation, particularly when cells are exposed to 

long periods of low wavelength UV light (385 nm) 164. Here, the constructions were cross-
linked for 15 seconds at 405 nm visible near-UV light. Since studies had demonstrated 

that after photocuring the cell-loaded structures with near-UV light for one minute or 

more, the viability and DNA integrity of MSCs remain unaltered 165. 

 
6.4.   Characterization of the 3D construct’s mechanical     
performance 
 
Characterization of the mechanical properties of the hydrogels after curing revealed that 

the hybrid hydrogels increased in crosslink density with increasing GelMA concentration, 

thus increasing stiffness. Whereas a certain range of stiffness is a key factor in maintaining 

cell spreading and further differentiation as the scaffold is porous, too much stiffness tends 

to reduce porosity, which further limits cell maturation and exchange with oxygen and 

nutrients. In turn, the different experimental groups exhibit different mechanical properties 

also leading to different biological behavior of the scaffolds. In this respect, G4 hydrogels 

seemed to offer a more suitable setting for SMC survival and development. These findings 
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were in line with earlier research that demonstrated how mechanical scaffold 
characteristics have a major impact on cell function, including attachment, spreading, and 

migration 166. 

 

6.5.   Characterization of scaffold’s biological performance 
(viability, proliferation, differentiation) 
 

The results of the live/dead assays on the day of printing and the next day of cell culture 
showed that all groups of seeded scaffolds had high cell viability, indicating that the 

printing process did not have a significant impact on cell viability, which was achieved by 

various factors optimized during the printing process. 

 

Assessment of proliferation showed that cells proliferated in all groups. These cells were 

encapsulated in different concentrations of Bioink and still showed a tendency to 

proliferate on day 8. When comparing the proliferation rates, it was found that the cells 

proliferated faster in G3 and G4 hydrogels. This could be due to the different crosslink 

density of the hydrogels. G5 with the highest GelMA concentration tended to have stiffer 

mechanical properties after curing. And hydrogels that are too stiff may limit cell 

migration. And although G1 and G2 had lower GelMA concentrations, an evaluation of 

the mechanical properties showed that the stiffness of the scaffolds in the first four groups 
was very similar at the specific curing settings we used. 

 

According to an analysis of the cells' capacity to differentiate in various conditions, G4 

seems to be more favorable supporting the contractile phenotype of SMCs. Given that 

nuclear shape is a reliable parameter for assessing the SMC phenotype 167, and in response 

to morphological characterization of fluorescent photographs of cells, the fact that G4 

induces elongated nuclear morphology is also evidence for differentiation of cells towards 

a contractile phenotype. These findings further the body of evidence indicating that the 

stiffness of smooth muscle can be maintained within a certain range while still maintaining 

its contractile nature 168–170. Previous research has demonstrated that a soft growth 

environment encourages smooth muscle cells to change into a contractile phenotype, and 
that excessive mechanical stiffness inhibits the synthesis of a contractile SMC phenotype 

and instead encourages the growth of smooth muscle cells with a synthetic phenotype 
167,171. All genes related to SMC contractility were shown to be considerably increased in 

all experimental groups, with G4 cells showing the highest level of upregulation. The same 

findings were also found for the gene for the ECM-associated protein elastin. The 

transcriptional activity of collagen I, however, significantly increased in all groups 

following the initial 7-day induction period. This is consistent with previous research by 

Kindy indicating that collagen I expression would be increased in SMC cultures when 

exposed to reduced FBS and heparin 172. This ECM protein may not react to changes in 

the composition of the hydrogel because the biochemical signal may be stronger than the 

mechanical signal, which could be an explanation. Overall, this study's findings show that 
matrix stiffness is a crucial factor in regulating maturation 173. 

 
 
 
  



48  

6.6.   Surface modification of PDMS 
 
Due to the hydrophobicity of the surface, the hydrogel's adherence to a commercially 

available Bioflex plate was insufficient for the trials. To boost the hydrophilicity of the 

Bioflex plates' untreated PDMS surface, we initially plasma-treated it. The method of 

choice was a water vapor/oxygen-based plasma treatment, and it has been demonstrated 

that functionalizing -OH groups can produce stable hydrophilic PDMS surfaces 174. 

Following plasma treatment, two distinct approaches to combining the hybrid hydrogel 
with the hydrophilic PDMS surface in combination with the makeup of our experimental 

hybrid hydrogel were studied. To assist the cross-linking of PDMS with the GelMA 

component during UV curing, the first way includes adding methyl groups to the PDMS 

surface. TMSPMA, which includes a terminal methacrylate group that encourages strong 

covalent bonding with the acrylate group in the hydrogel under UV irradiation, is 

frequently employed to improve the adherence of hydrogels containing acrylate groups to 

hard surfaces 175,176. To prevent cytotoxicity and damage to Bioflex plates among the 

several solvents previously used for TMSPMA, ethanol (99% v/v) was used 177–179. It was 

discovered that the methyl-PDMS treatment preserved the adherence of the hydrogel to 

the Bioflex plate surface through testing in static and dynamic situations simulating 

experimental conditions. The hydrogel can be bound to the surface in situ while the 

bioprinted structure is being UV-cured, which speeds up the production process. This is 
another advantage of employing methyl-PDMS. 

 

The addition of amino groups to the PDMS surface is a second method that relies on the 

covalent bonding of the alginate component to the PDMS by amide coupling between the 

amino group and the alginate's carboxylic acid group, which is facilitated by a 

carbodiimide 155. The amino alteration failed to keep the constructions on the PDMS under 

static or dynamic settings, even though the majority of them stayed attached for a brief 

initial period of time. As opposed to this, a prior investigation by Cha and colleagues 

discovered that this method could effectively retain the adherence of alginate hydrogels to 

PDMS under mechanical loading (1 Hz, 10% strain) 155. The inconsistency may be caused 

by the short crosslinking duration used in this investigation, whose authors used a 24-hour 
CaCl2 incubation. The key justification for the brief crosslinking period was to prevent 

maintaining the cells in CaCl2, which would have drastically decreased cell viability. 

Additionally, their technique relies on curing the alginate hydrogel and layer, which serves 

as a "glue" on the PDMS surface, concurrently. Because the print head cannot establish a 

normal geometry on an uneven hydrogel pre-solution surface, this technology is unable to 

meet our 3D bioprinting criteria. Therefore, we chose to print on a surface already coated 

with the curing 'glue' - alginate - to finalize the curing of the blend bioinks. 

 
 

6.7.   The role of cyclic strain on 3D constructs 
 
The constructs were stamped in the center of the well, where isometric strain fields 

appeared to be more homogeneous according to empirical research and finite element 

modeling 180. Although the membrane was subjected to a maximum nominal strain of 5%, 

it was discovered that the actual strain in the hydrogel was closer to 4.3%. The rigidity of 

the hydrogel and PDMS membranes may be the cause of this discrepancy. However, in 

this work, the relationship between nominal and actual strain appeared to follow a linear 
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relationship along the entire range of interest. In the past, it was suggested that the 
mechanical mismatch between PDMS and hydrogel could cause a non-linearity between 

the applied strain and the actual strain, particularly for low strain values. 

 

In the past, uniaxial loading stimulation of vascular SMCs had been used to study the 

effects of mechanical stimulation on SMCs inside of three-dimensional stents 181. Uniaxial 

forces acting on the vascular wall were mostly to blame for this. Even Nevertheless, it 

seems more logical to utilize biaxial strain while researching bladder SMCs because the 

bladder wall is prone to multi-axial stresses during filling and emptying 182. When it came 

to the activation of internal molecular processes and cytoskeletal reorganization, cells 

would be able to recognize distinctions between uniaxial and isometric loading. In both 

2D and 3D configurations, uniaxial stress often caused SMC cell migration and 

cytoskeletal reorganization 181,183–185. Skeletal muscle cells, for instance, react differently 
to mechanical stimuli depending on the orientation 180,186. The paradigm used here, it was 

hypothesized, would more accurately depict the physiological strain field of the bladder 

wall. In keeping with this, Chae and colleagues created an in vitro bladder model using 

bioprinted bone marrow-derived stem cells (BMSCs) that were stimulated mechanically 

under isometric strain to simulate the stresses on the cells in vivo 142. 

 

The findings of this study unambiguously showed that SMCs respond to cyclic mechanical 

stimulation by displaying morphological alterations, a gradual rise in gene transcription, 

and higher expression of contractile marker proteins, all of which were connected to a 

contractile phenotype. This is in accordance with a recent study 142that found cyclic 

mechanical stimulation of 3D constructions increased BMSC development towards the 
smooth muscle lineage. Additionally, it was discovered that the effects of mechanical 

stimulation were eliminated by the maximum dose of p38 inhibitor (20 µm), indicating 

that the p38 MAPK pathway is crucial in regulating the differentiation of bladder SMCs 

in response to mechanical stimulation. It may not come as a surprise that p38 inhibitors 

have an impact on mechanical reactions given that this MAPK plays a general role in the 

transmission of multiple signaling pathways, including diverse ligands and stressors 187. 

Cyclical stress caused SMCs to produce more cytoskeletal and contractile domain proteins 

as well as microfilaments, all of which were suppressed by p38 inhibitors 188. Like this, in 

vitro investigations using two-dimensional bladder SMCs had shown that p38 MAPK 

plays a role in translating mechanical inputs into differentiation signals 142,144,189. 

 

What is unique about study II is that it focuses on the creation of a 3D model, as most 
previous in vitro studies on the effects of cyclic loading on SMCs have been based on a 

flexible 2D culture substrate. Another unique feature was the introduction of an equiaxial 

strain field into the 3D construct, as previous studies have focused on uniaxial loading 

relevant to airway or vascular SMCs, but not visceral SMCs.  
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6.8.   Limitations and further work 
 
One of the limitations of this work was that only a finite number of hydrogel combinations 

could be prepared during the phase of developing the optimal hydrogel. Another limitation 

is that rheological and mechanical properties were studied on constructs without cells. 

Despite the use of a 1:10 ratio in the combination of cell culture and hydrogel, these small 

amounts of culture medium could have affected the rheological properties of the hydrogel 

during the printing process. As for the measurements of mechanical properties post-cross 
linking, measurements could have been in cell-loaded constructs at different times during 

the culture process to better visualize the changes in the mechanical properties of the 

hydrogel over time. Another limitation was the use of a relatively modest cell density 

(2x106 cells/ml) to better study cell spreading. A more accurate mimic of the smooth 

muscle layer could possibly have been achieved with a higher cell density. Since the 

purpose of this work was to show that smooth muscle cells are still viable after bioprinting, 

the experiments were performed for a limited period. However, it would be necessary to 

further investigate the long-term growth and maturation of the cells. 

 

The results presented here are encouraging and will enable the use of these constructs as 

a platform for studying the mechanisms of phenotypic transformation of SMCs and for 

developing tissue engineering approaches for LUT. However, there are certain limitations. 
Strain greater than 5%, which has been commonly used in previous in vitro studies, has 

not been applied to SMCs. Strains of up to 20% have been used in research to study 

pathological situations (e.g., bladder outlet obstruction). Future research will show 

whether the approach described here can be applied to simulate such strains. In addition 

to the loading amplitude, other factors such as effective exposure time, cycle duration, and 

rest time could have a major impact on the outcome. Therefore, it might be necessary to 

better optimize the time-dependent effects of cyclic mechanical stimulation. Another 

drawback is that only adhesion to the hydrogel after PDMS modification was evaluated 

for a short period of time to match the experimental design (i.e., 7 days of cell growth 

under static conditions, 6 days of cell differentiation, and 1 h/day of cyclic mechanical 

stimulation). Therefore, further studies on the experimental setup and test cycle are needed 
to confirm the robustness of the method. 
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CHAPTER 7. CONCLUSIONS 

 
In this work, it was shown that a blend hydrogel comprising GelMA and alginate allowed 

bioprinting of consistent SMC structures that could be bioprinted while maintaining high 

cell viability. The results showed that G4 (7.5/3 w/v %) exhibited higher structural fidelity 

and supported a more contractile SMC phenotype of the printed cells. The use of alginate 

helped to reduce the limitations of GelMA in terms of temperature sensitivity while 

maintaining the advantages of low-concentration GelMA in terms of cytocompatibility. It 

was evident that the mechanical properties of the hydrogels were critical for triggering the 

contractile phenotype of SMCs. Custom modifications to commercially available culture 

plates enabled the application of cyclic mechanical stimuli to the bioprinted 3D constructs. 

According to the results, activation of p38 MAPK is the mechanism by which cyclic 
mechanical loading causes the transformation of cultured bladder SMCs to a contractile 

phenotype.  

 

The results of this work contribute to a better understanding of how mechanical cues from 

the 3D microenvironment maintain the contractile phenotype of SMCs. The approach 

developed here may provide a useful 3D platform for exploring the phenotypic 

adaptability of smooth muscle and could have significant implications for the development 

of new therapies for urethral strictures. 
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