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ABSTRACT 

Injured peripheral nerves with a gap >2mm often demonstrate poor regeneration ability, where 

scaffolds made from biomaterials are possibly used to bridge the gap for functional recovery. To 

fabricate such scaffolds, extrusion-based three dimensional (3D) printing technique shows 

promising due to its ability to precisely extrude biomaterial solution and build 3D structures by a 

layer-by-layer fashion. However, the 3D printing technique faces several challenges in 

fabricating scaffolds for nerve tissue regeneration. Among them, the printability, structural 

integrity, and biological performance of scaffolds printed from sodium alginate (SA) (a 

biomaterial widely used in nerve tissue regeneration) are the key issues. To address the issues, 

this thesis aims to develop SA scaffolds for potential application in peripheral nerve 

regeneration. Three specific objectives are set so as to investigate (1) the effect of fluid (i.e., SA 

solution) flow behavior, printing parameters, and concentration of ionic crosslinkers on the 

printability of SA scaffolds, (2) the influence of SA precursor and ionic crosslinker 

concentrations on the mechanical and biological properties of scaffolds, and (3) the influence of 

peptide conjugation with SA molecules on the biological performance of the scaffolds for nerve 

tissue regeneration. 

   The flow rate in the printing process is critical to the scaffold structure and printability. 

The first part of dissertation is to examine the flow rate of SA solution or precursor extruded 

through a tapered needle in the scaffold fabrication process by developing a novel model for its 

representation. Specifically, the flow rate of the medium viscosity SA precursor was modeled by 

taking into account of both slip and shear flow from a tapered needle. Since the flow rate of SA 

precursor depends on its flow behavior, model predicting the flow behavior of the hydrogel 

precursor was also developed from regression of experimental data. For different extrusion 

pressures (e.g. 20, 25, 30, and 40 kPa) and concentrations (e.g. 2, 3, and 4%) of SA precursor, 

the flow rate model predicted with reasonable accuracy (coefficient of determination, R2 = 0.98). 

Further, at various needle diameters (0.2, 0.25, 0.41, and 0.61 mm) and temperatures (25, 35, 45, 

and 55°C) the flow rate model predicted more accurately for low dispensing pressure (20 kPa, 

R2=0.99) compared to high pressure (30 kPa, R2=0.98). 

The mechanical and biological properties of SA scaffold largely depend on the ionic 

crosslinker used in bioprinting of scaffolds from SA. The second part of dissertation is to 

conduct a comparative study of three ionic crosslinkers including calcium chloride (CaCl2), 
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barium chloride (BaCl2), and zinc chloride (ZnCl2) on the mechanical and biological properties 

of 3D printed SA scaffolds. Multiple regression equations were developed to predict the 

mechanical properties of SA scaffolds; and the printability of SA precursor was evaluated at 

varying concentrations of both ionic crosslinkers and SA precursor. Experimental results 

revealed that the elastic modulus of the hydrogels decreasing in the order 

BaCl2>CaCl2>ZnCl2 over 42 days while Schwann cell (SC) viability decreased in the order 

CaCl2>BaCl2>ZnCl2 over 7 days. The predictions of multiple regression equations show 

reasonable agreement with experimental data, while the 3% (w/v) SA precursor demonstrates 

acceptable printability in CaCl2 and BaCl2 solution. The experimental and predicted results 

obtained in this part of work would be useful in selecting the appropriate ionic crosslinkers and 

concentration of SA precursor for bioprinting of tissue scaffolds. 

Notably, SA precursor lacks of cell binding motifs in the molecular structure, which 

significantly limits its applications in nerve tissue regeneration. For improvement, the third part 

of dissertation is to conjugate peptide molecules into SA, resulting in peptide conjugated SA 

(PCSA) and to further examine the effect of single and composite PCSA scaffolds on axon 

regeneration in vitro. In particular, a 2% (w/v) SA precursor was conjugated with either arginine-

glycine-aspartate (RGD) or tyrosine-isoleucine-glycine-serine-arginine (YIGSR) peptides, or 

mixture of RGD and YIGSR (1:2), and was bioprinted into cuboid structures. The printability of 

the composite PCSA precursor was evaluated in terms of the strand width, pore geometry, and 

angle-formation accuracy at varying concentration of CaCl2 (i.e. 50 - 150 mM); and the 

mechanical stability of scaffolds was examined over 3 weeks in terms of swelling, degradation, 

and compression modulus; and surface morphology of the degraded scaffolds. Axon regeneration 

ability of PCSA scaffolds were assessed by quantifying the viability, morphology, amount of 

secreted brain derived neurotrophic factor (BDNF) of incorporated SCs, and directional neurite 

outgrowth in a 2D culture. Experimental results reveal that composite PCSA precursor extruded 

in 50 mM CaCl2 has good printability and that PCSA scaffolds remains porous over 3 weeks 

with the elastic modulus decreased by ~70%. Also, the results illustrates that composite PCSA 

scaffolds facilitate better the viability and morphology of SCs, as well as support greater 

directional neurite outgrowth as compared to those of single PCSA scaffolds. 

Taken together, the thesis develops methods to fabricate SA and PCSA scaffolds with 

results illustrating their potential applications in the regeneration of damaged peripheral nerves.  
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Fig. 5.10 β-3 tubulin immunocytochemistry (green) and S-100 immunocytochemistry 

(red) on neuron cells and Schwann cells, respectively with DAPI staining (blue) of nuclei 

for cultures grown on (a) RGD-alginate conjugate, (b) YIGSR-alginate conjugate, (c) 

RGD-YIGSR-alginate conjugate strands, (d) alginate hydrogel, and (e) PLL-coated plate; 

[scale bar = 100 µm]. 
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Fig. 5.11 Confocal microscopy of neuron and Schwann cells distributed three 

dimensionally in the (a) RGD-alginate conjugate, (b) YIGSR-alginate conjugate, and (c) 

RGD-YIGSR-alginate conjugate; β-3 tubulin immunocytochemistry (green) on neuron 

cells with DAPI staining (blue) of nuclei both for neuron and primary Schwann cells; 

[scale bar = 250 µm]. 
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Fig. 5.12 Outgrowth of neurites cultured on single layered scaffolds fabricated with (a) 

RGD-alginate conjugate, (b) YIGSR-alginate conjugate, (c) RGD-YIGSR-alginate 

conjugate, and (d) alginate hydrogel. Neuron cells cultured on (e) PLL-coated plate was 

considered as positive control, (pink color demonstrates the directional pathway of 

neurites) [*p < 0.05, **p < 0.01]. 
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Fig. 5.13 2D distribution of neurites grown on single layered patterns fabricated with (a) 

RGD-alginate conjugate, (b) YIGSR-alginate conjugate, (c) RGD-YIGSR-alginate 

conjugate, and (d) alginate hydrogel. Neuron cells cultured on (e) PLL-coated plate was 

considered as positive control and (f) single layered scaffold showing 0° and 90° 

direction. 
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CHAPTER 1 

Introduction 

1.1 Tissue scaffolds and nerve tissue regeneration  

In the events of injury, the scar tissue forms around the wound causes poor tissue regeneration in human 

body. It is an established fact that tissue regeneration is likely in most cases while the wound thickness is 

below 2 mm [1]. Tissue injury more than 2 mm requires structural support to regenerate which eventually 

lead to the formation of tissue engineering discipline. Tissue engineering has opened up the vast 

possibility in regenerating tissue or organ artificially in order to meet up the enormous demand worldwide 

to date. Tissue engineering is a multidisciplinary area of material science, cell biology, engineering, and 

biochemistry and aims to mimic and reproduce biological or native tissues/organs. In engineering a 

specific tissue, scaffold, a three-dimensional (3D) temporary structure, is implanted at the targeted 

anatomical site to regrow the damaged or injured tissue. The scaffolds consisting of biopolymer, cells, 

growth factors, peptide, or proteins facilitate tissue regeneration upon implantation, and eventually get 

degraded and replaced by newly grown tissues.  In fact, a functional scaffold should have enough 

mechanical strength to sustain the structural integrity during tissue regeneration [2], sufficient 

porosity to facilitate nutrient transfer between cells and surroundings [3], reasonable biodegradability 

to be able to get replaced by newly grown tissue [4], cytocompatibility to alleviate immune reaction 

and inflammation in host body [5], and ECM-like property to facilitate cell survival, proliferation, 

differentiation, migration and tissue regeneration. 

Peripheral nervous system (PNS) connects tissues, limbs and organs to central nervous 

system, and thus assists to regulate the sensory and motor functions of the associated tissues. 

Several incidents including traumatic, non-traumatic, and surgical activities have been identified 

as a potential reason of PNS damage that lead to poor sensational reflexes, painful neuropathies 

and muscles movement complexities in patient’s body [6]. Approximating two nerve segments 

with suture is viable while the gap is small (~2 mm). If the gap is larger than 2 mm reconnecting 

two nerve stumps with suture generates excessive tension and causes poor regeneration [7].  To 

address this issue, autografts (such as; vein grafts) were investigated and implanted to bridge a 

large nerve gap, clinically. However, several shortcomings related to autografts, such as donor 

site morbidity, size inconsistency and requirements of multiple surgery limit their applications 

[8].  Allogenic or xenogeneic grafts were also explored to find an alternative to autografts, while 
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immunological complexities and eventual rejection problems restrict their application in nerve 

tissue regeneration [9].  To overcome these limitations, in the past decades numerous studies 

were conducted to explore alternative of autografts by using tissue engineered scaffolds.  

In nerve tissue regeneration, cylindrical shaped conduits have been used over the past 

decades to bridge two damaged nerve segments.  Because hollow conduit can’t promote 

functional nerve regeneration [10], a number of studies have used filler material in the conduit to 

guide the growing axons [11,12]. Polysaccharide and protein based hydrogel, nano/micro 

filaments, magnetically/cell aligned fibrils, unidirectional freeze-dried biopolymer, and rolled up 

nano/micro pattern have been reported as a potential polymer in different studies [13]. While 

these filler materials demonstrated remarkable success in promoting axon growth, nerve 

regeneration across a large nerve gap remains challenging. Since SCs play a key role in 

maintaining and regenerating axons after in vivo injury [14], studies have been conducted to 

incorporate SC in the filler materials or scaffolds during fabrication [15]. Studies revealed that 

SCs show better viability and proliferation in a porous scaffold compared to a nonporous one. 

Besides, scaffold fabricating polymer should have ECM-like property to facilitate the biological 

activity of SCs [16].   

Over the last decades, conventional (e.g. phase separation, freeze-drying, gas foaming, 

solvent casting and particulate leaching, etc.) [17] and additive manufacturing (AM) techniques 

(e.g. extrusion-based, laser-based, etc.) have been evolved for fabricating nerve tissue scaffolds 

[18].  The pores of the scaffolds fabricated with conventional approaches are non-uniform and 

partially interconnected which inhibit tissue growth. In contrast, AM approaches can fabricate 

scaffolds with embedded cells as per predefined computer-aided design (CAD) data. Moreover, 

the AM techniques support the fabrication of scaffolds with any custom-made design while 

maintaining uniform and interconnected porous structure [19]. This thesis aims to biofabricate 

tissue scaffolds using extrusion-based technique being inspired by the attractive features of AM 

technique.   

Bioprinting of nerve tissue scaffolds requires hydrated biopolymer and mild fabrication 

condition to keep the SCs viable during and after 3D fabrication. To fulfill the requirement, 

different types of hydrogels (e.g. protein based, polysaccharide based, synthetic, etc.) have been 

used over the years in preparing bio-ink for extrusion-based system [20]. SA, a polysaccharide 
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based biopolymer and forms hydrogel under the influence of crosslinker, has frequently been 

explored in scaffold bioprinting due to the low production cost, availability, rapid gel formation 

ability, non-toxicity, biocompatibility, and biodegradability [21]. Besides, bulk SA hydrogel was 

identified as a promoter of axon growth reported elsewhere [22]. Being inspired by the positive 

perspectives, SA precursor has been used in this thesis to biofabricate scaffolds for the probable 

application in nerve tissue regeneration.  

1.2 Extrusion-based bioprinting  

It is well accepted that inclusion of a large cell population in scaffolds facilitates tissue 

regeneration producing growth factors and extra cellular matrix proteins [23]. Extrusion-based 

(EB) scaffold fabrication process has made possible to dispense cell population at a high density 

along with biopolymer. In an extrusion-based bioprinting system, biopolymers are extruded in a 

layer-by-layer fashion to create a 3D construct as per computer-aided design (CAD). Often 

piston, screw, or air-pressure-driven mechanism is used for dispensing biopolymer or cell-

biopolymer mixture (Fig.1.1). Since the screw or piston-driven mechanism might cause shear-

induced cell damage, an air-pressure-driven bioprinter was chosen in this research work. 

Hydrogel precursor particularly SA has been identified as a suitable polymer in EB fabrication 

due to their availability, cell incorporation ability, hydrated nature, gelation property and 

biocompatibility [24]. However, SA precursor lacking cell binding sites require peptide 

conjugation to enhance the biological function [25].   

 

Fig. 1.1 Scaffold bioprinting with an extrusion -based bioprinting technique; (a) air pressure 

driven 3D bioplotter, (b) schematic of bioprinting mechanism of a 3D bioplotter 
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In the EB scaffold fabrication process the viscosity of alginate precursor affects the flow 

rate from needle or nozzle, thus affecting the printability of extruded strands, pore and complex 

3D structure [26]. The term printability refers to how close the printed structure is in relation to 

the designed one. The viscosity of alginate precursor is sensitive to concentration of hydrogel 

precursor and extrusion temperature. A number of studies reported that low viscosity alginate 

precursor (100-300 cP, 2 % w/v at 25 °C) at low concentration facilitates reasonable cell 

viability, while shows poor printability and mechanical strength. In contrast, alginate precursor at 

elevated concentration reduces cell viability, but demonstrate improved printability and 

mechanical strength [27,28]. To tackle the issue, application of MVSA precursor (≥2,000 cP, 2 

% w/v at 25 °C) in the bioprinting could be a compromised solution, where both reasonable 

printability and cell viability could be maintained even at low alginate precursor concentration. 

Mathematical modeling could be useful in selecting the diameter and speed of extrusion needle, 

the extrusion pressure of bio-ink, and the concentration of SA precursor that are crucial to obtain 

a desired flow rate of SA precursor from extrusion needle. To predict the flow of MVSA 

precursor from extrusion needle, rheological characterization (i.e. apparent viscosity, yield stress, 

and flow index) is required prior to bioprinting. A flow behavior model may predict the 

rheological properties of SA precursor that could further influence the outcome of flow rate 

model at different SA precursor concentration and operating temperatures.  Such mathematical 

modeling in predicting the rheological property of MVSA precursor might reduce the 

experimental time and biopolymer wastage. However, model equations predicting the flow 

behavior of MVSA precursor remains unreported to date.    

Flow model equations are useful in predicting strand width, and needle speed which is 

necessary to have reasonable printability. Such model equations are helpful to reduce the number 

of trials prior to bioprinting, thus eliminating the required time for trials, material and cell 

wastages. In bioprinting, generally micro-needles are preferred, since strand width in the 

microscale range facilitates mass transfer (nutrients, oxygen, etc.) between embedded cells and 

culture media [29]. In capillary flow, slip at the wall is likely with the elevated shear stress as 

reported elsewhere [30]. In particular, the slip flow becomes significant in case of non-

Newtonian fluid flowing through micro channels [31]. Skipping slip flow in the model equation, 

might cause prediction uncertainty in the flow of hydrogel precursor from capillary needle at 

different extrusion pressure. Till to date, several studies modeled the fluid flow from cylindrical 
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and taper needle assuming shear flow condition [32]. It is mention worthy that taper needle is 

favorable in the bioprinting as they do less cell damage than cylindrical one. Although potential, 

model equations predicting the fluid from taper needle considering both shear and slip flow 

remains unreported till now. To address the issue, in this thesis a flow rate model was also 

developed for MVSA precursor considering shear and slip flow from a tapered needle.  Since 

bioprinted scaffold can provide necessary biochemical and biophysical cues in guiding growing 

axons after nerve injury, the characterization of MVSA precursor in terms of flow behavior and 

flow rate evaluation would facilitate the bioprinting of scaffolds that could further be 

investigated to assess the directional outgrowth of axons in vitro. 

1.3 Effect of crosslinkers in bioprinting 

In the bioprinting process, extruded hydrogel precursor needs to be crosslinked or solidified to 

retain the shape developed in CAD program. Hydrogel precursors undergo gelation process by 

the influence of ionic crosslinkers, covalent crosslinkers, pH, temperature or ultraviolet light 

[33]. In 3D fabrication, the extruded hydrogel precursors should have rapid gelation property to 

facilitate successive layers fabrication along with reasonable printability [19]. Crosslinking in 

hydrated crosslinkers is always preferable to maintain the viability of incorporated cell 

population during bioprinting. However, the cytotoxicity of the crosslinkers is also a major 

concern that requires to be considered in the selection of ionic crosslinkers [34]. While ionic 

crosslinkers seems to be essential in the bioprinting process, a comparative study of 3D scaffold 

fabrication using different ionic crosslinkers remains unstudied to date. Since alginate 

hydrogel/beads crosslinked with calcium (Ca2+), barium (Ba2+), or zinc (Zn2+) ions facilitated  

the release of growth factors and tissue regeneration in a number of studies [35,36], in this 

dissertation the ionic crosslinkers (i.e. CaCl2, BaCl2, and ZnCl2) have been chosen in scaffold 

bioprinting for the possible application in nerve tissue engineering. To this end, the evaluation of 

printability of MVSA precursor in the ionic crosslinkers is needed to fabricate complex 3D 

structure without compromising predefined design data. While several studies reported the 

crosslinking rate of ionic crosslinker and concentration of hydrogel precursor affect scaffold 

printability [37], a comparative study of MVSA precursor printability  into different ionic 

crosslinkers is lacking. Therefore, in this thesis the strand and pore shape printability of MVSA 

precursor were evaluated at varying alginate precursor and ionic crosslinker concentration. 
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Implanted scaffolds might undergo compression forces, surface and bulk degradation in 

in vivo. Therefore, to sustain biofabricated geometry in tissue regeneration process, the scaffolds 

should have sufficient mechanical strength [38]. To date, while several studies have reported the 

mechanical strength (i.e. swelling, degradation, and elastic modulus) of bulk hydrogel incubated 

in the physiologic buffer [39], the mechanical stability of biofabricated MVSA scaffolds 

crosslinked with varying concentration of Ca2+/Ba2+/Zn2+ ions remains unexplored. Generally, 

hydrogel swells in a media due to ion exchange, polymer chain relaxation, and water uptake 

mechanism [40]. Excessive swelling of hydrogel causes tissue compression, pore blockage and 

uncontrolled degradation [41]. However, absorption of surrounding fluid at implantation site also 

causes swelling that might assist tissue regeneration [42].  Hydrogels particularly MVSA swells 

and loses mechanical strength exchanging Na+/Ca2+  ions with physiologic buffer upon in vivo 

implantation [43]. The swelled hydrogel eventually undergo surface and bulk degradation by the 

combined interaction of wound fluid and physiologic buffer. In alginate hydrogel, divalent 

cations make bond with guluronate (G) blocks of the polysaccharide chains. Upon implantation, 

alginate scaffold encounter exogenous Na+ ions supplied by wound fluid or physiological buffer.  

Na+ ions release the divalent cations from gel structure that result in non-crosslinked G blocks. 

The free negatively charged and non-crosslinked sequences repel each other, therefore, water 

molecule penetrate the structure, and alginate scaffold swells and is degraded [44]. 

Therefore, both swelling and degradation study of bioprinted alginate scaffolds are 

essential for their likely application in tissue regeneration. Moreover, assessments of elastic 

modulus demonstrate the amount of compressive force a hydrogel can sustain avoiding plastic 

deformation [45]. Hydrogels having a reasonable high compression modulus can retain their 

structure for a certain period of time upon in vivo implantation[46]. Cells in regenerating tissues 

might be sensitive to the elastic modulus of different hydrogels at different stages of 

development and remodeling. Further, the tissue regeneration period and tissue response to the 

elastic modulus of hydrogels might vary at different anatomical territory. For example, bone 

tissue grow wells in a stiff hydrogel, while nerve tissue regenerates well in soft hydrogel [47]. 

Therefore, the assessment of elastic modulus of scaffolds at different time interval is necessary to 

evaluate their probable applicability at specific anatomical territory. Like printability, a 

comparative study is required to evaluate the bioprinted MVSA scaffolds crosslinked with 

Ca2+/Ba2+/Zn2+ ions in terms of mechanical and biological property. Unfortunately, such 
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comparative study remains unreported to date.  To address the issues, alginate scaffolds 

biofabricated at varying concentration of ionic crosslinkers and alginate precursors were 

evaluated mechanically and biologically at predefined time points. In particular, the mechanical 

strength of alginate scaffolds bioprinted in the three different ionic crosslinkers was evaluated 

maintaining physiologically relevant conditions up to 42 days. Since evaluation of mechanical 

strength of a scaffold is necessary for in vivo application, in this dissertation multiple regression 

equations have been developed to predict the swelling, degradation, and Young’s modulus of 

scaffolds fabricated using various concentrations of alginate and ionic crosslinker after they have 

been incubated under physiological conditions.   

1.4 Peptide modified hydrogel and PNS regeneration 

Some hydrogel (e.g. collagen, gelatin, Matrigel, fibrin, etc.) contains cell binding motifs in the 

molecular structures while other hydrogels (alginate, chitosan, agar, etc.) don’t possess [48]. 

Hydrogels particularly MVSA lacking cell binding motifs demonstrate poor cell-biopolymer 

interaction, and couldn’t assist cell attachment, differentiation and survival [49]. Admixed 

protein or peptide molecules (such as; arginine-glycine-aspartate (RGD), tyrosine-isoleucine-

glycine-serine-arginine (YIGSR), etc.) into MVSA hydrogel improves the tissue regeneration 

capability somewhat due to the gradual release of the admixed molecules in the surrounding fluid 

[50]. In contrast, covalently linked peptide sequence remains in the molecular structure of 

MVSA over the tissue regeneration period and interact with cell population [51]. Being 

promising, several studies have prepared single peptide conjugated MVSA (PCSA) bulk 

hydrogel and studied axon regeneration [52]. However, axon regeneration study on the 

biofabricated single or composite PCSA strands remains unexplored to date. To deal with the 

issue, in this dissertation single PCSA precursor was prepared conjugating 1 mg of RGD or 

YIGSR to 1 gram of MVSA, while composite PCSA precursor was prepared conjugating RGD 

and YIGSR peptide (1:2 molar ratio) to 1 gram of MVSA. RGD, a peptide sequence seen in 

fibronectin, binding with integrin receptors of cell surface facilitates cellular attachment. 

Besides, laminin derived peptide YIGSR plays a key role in axon regeneration [53],  since a 

significant amount of laminin protein is seen in the basal lamina of peripheral nerves [54]. The 

RGD peptide was reported to affect the  adhesion and proliferation of PC12 cells, while the 

YIGSR peptide was found to regulate neuronal differentiation at an elevated density [55].  
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Therefore, in this thesis RGD and YIGSR peptide sequences have been covalently linked with 

alginate hydrogel maintaining a 1:2 molar ratio to enhance the axon outgrowth.    

The mechanical property of the PCSA hydrogel might be compromised in the preparation 

process since the conjugation protocol is associated with several chemical treatments. Therefore, 

the mechanical strength of the scaffolds fabricated with PCSA precursor requires to be 

characterized in terms of swelling, degradation and elastic modulus for the possible application 

in specific anatomical territory. Moreover, to obtain reasonable printability of PCSA precursor, 

needle speed and extrusion pressure requires to be tuned likewise. While a number of study 

measured the printability and mechanical strength of MVSA or hybrid MVSA scaffolds [28,37], 

the characterization of single or composite PCSA scaffold has not been conducted yet by 

evaluating mechanical property and printability. To address the issue, in this thesis the 

printability of composite PCSA strands extruded in CaCl2 solution were assessed by comparing 

the strand width, pore shape, and angular structure with theoretical values. Mechanical strength 

of the scaffolds was determined by measuring the swelling, degradation, and elastic modulus 

data over a 3 week period. 

In vivo, Schwann cells (SCs) play a significant role in regenerating damaged nerves by 

providing guidance cues and growth factors [56]. Therefore, inclusion of SCs in the 

biofabricated strands would be a promising strategy to enhance neurite out growth. However, the 

reasonable viability of SCs is required during the axon regeneration period. The assessment of 

viability of SCs at different time points in the PCSA strands is required to characterize the 

bioprinted strands. Besides, the interaction between PCSA and SCs requires to be evaluated with 

respect to cell processes length, cell morphology, and quantity of released growth factor for a 

specific time period. Although several studies reported the 3D viability, morphology, and 

proliferation of SCs in the RGD conjugated SA strands or bulk hydrogel [50], the outcome of 3D 

culture of SCs in the YIGSR or RGD/YIGSR conjugated MVSA strands remain unreported till 

now. Therefore, a comparative study has been conducted in this thesis to access the biological 

performance of single or composite PCSA scaffolds by measuring the viability, morphology, 

attachment, and BDNF secretion ability of SCs in culture.  

Growing neurites through a large gap in PNS caused by injury requires physical, 

topographical and biochemical cues to reach the distal target and invade appropriate anatomical 
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territory [57]. While biofabricated pattern could provide directional guidance cues to the 

developing neurites, PCSA scaffolds might provide necessary biochemical cues for the 

attachment, proliferation, and differentiation of neuron cells. Since in vivo injured axon 

regenerates through natural ECM that contains multiple peptide sequences, it can be 

hypothesized that composite PCSA precursor might result in better neurite regeneration 

compared to single PCSA hydrogel. In addition, neuron cells harvested from stimulated dorsal 

root ganglia (DRGs) better represent the status of neuron cells after PNS injury. However, axon 

regeneration from stimulated neuron cells seeded on the single and composite PCSA strands 

remain uninvestigated until now. Therefore, in this dissertation axon regeneration on 

biofabricated PCSA strands in terms of length and directionality have been assessed.  

1.5 Research goals  

This dissertation aims to develop the bioprinting process of MVSA scaffolds that were 

characterized both mechanically and biologically for peripheral nerve tissue regeneration. The 

particular research objectives of this thesis are: 

• To develop methods to evaluate the effect of viscosity on the flow rate of MVSA 

precursor extruded from 3D bioplotter. Accordingly, the flow behavior model was 

developed from rheological data of MVSA precursor, while the flow rate model was 

developed considering the flow of MVSA precursor from taper needle based on the 

assumption of shear and slip flow. 

• To examine and identify the appropriate ionic crosslinkers in the bioprinting process of 

MVSA scaffolds. On this basis, the effect of various ionic crosslinkers (e.g. 

Ca2+/Ba2+/Zn2+) on the mechanical strength and biological performance of bioprinted 

MVSA Scaffolds were evaluated. Varying the concentrations, the combined effect of 

MVSA precursor and crosslinkers is also investigated to find optimum mechanical 

strength and biological performance suitable for nerve tissue regeneration.  

• To examine the nerve regeneration ability of hydrogel scaffolds bioprinted with PCSA 

precursor. Accordingly, the printability, mechanical stability, and neurite regeneration 

ability of PCSA scaffolds were studied. In particular, the printability of composite PCSA 

precursor was assessed in terms of strand, pore, and angle printability, while the 

mechanical strength was evaluated in terms of swelling, degradation, Young’s modulus, 

and morphology assessment. The neurite regeneration was determined from directional 
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outgrowth of axons cultured on PCSA scaffolds.  The efficacy of PCSA scaffolds was 

further evaluated by measuring the viability, growth factor release ability and 

morphological changes of incorporated SCs.  

 

1.6 Organization of this thesis 

This dissertation contains six chapters including this chapter, four chapters adapted from the four 

manuscripts that have been published or submitted for possible publication, a chapter of 

conclusions and suggested future research directions.  

Chapter 2 presents a brief review on the recent progresses in the design and fabrication of 

nerve guidance conduits (NGCs) for damaged PNS regeneration. In particular, a number of 

design approaches including hollow, porous, multi-channel, ECM loaded, filaments 

incorporated, and magnetically aligned fibrils loaded NGCs were focused and the influence of 

the approaches on axon regeneration was reviewed. The application of rapid prototyping (i.e. 

extrusion- and laser-based) and nanoscale technique (i.e. electrospinning- and direct polymer 

melt deposition) in NGC fabrication have been described and the functional axon regeneration 

ability of the NGCs was discussed both for in vitro and in vivo applications. Besides, the 

attractive features and shortcomings of each design and fabrication approaches were highlighted 

and discussed, as well as the future research direction were recommended.   

  Chapter 3 investigates the effect of flow behavior of MVSA precursor and bioprinting 

variables (i.e. temperature, needle geometry, and dispensing pressure) on the precursor flow rate 

from extrusion needle. Particularly, flow rate model of MVSA precursor was developed 

considering both shear and slip flow from taper needle.  Since the flow rate model was 

developed from flow behavior information, the flow behavior of MVSA precursor was 

characterized and modeled using non-linear regression approach. Notably, the flow behavior 

model was developed from rheological data collected at varying temperatures (25–55 °C) and 

alginate concentrations (1–4%). The flow behavior and flow rate model was verified against 

2.5%, and 2, 3, and 4% MVSA precursor, respectively. The flow rate model was further verified 

against the flow of MVSA precursor from various needle openings (0.2, 0.25, 0.41, and 

0.61 mm) at varying temperatures (25, 35, 45, and 55 °C).  
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In chapter 4, the effect of three different ionic crosslinkers (e.g. CaCl2, BaCl2, and ZnCl2) 

on the mechanical and biological performance of MVSA scaffolds was presented. The 

printability, and mechanical properties (e.g. swelling, degradation, and Young’s modulus) of 

MVSA scaffolds were measured maintaining 2, 3, and 4% MVSA precursor concentration, while 

the 50, 100, and 150 mM concentration were maintained for the three ionic crosslinkers. In 

particular, the mechanical properties were conducted between 0-6 weeks incubating the scaffolds 

in the 10 mM phosphate buffered saline. The surface morphology of the degraded scaffolds 

collected at different points was studied using scanning electron microscopy (SEM). Multiple 

regression equations were derived and presented to predict the swelling, degradation, and elastic 

modulus of MVSA scaffolds varying the type and concentrations of ionic crosslinkers. Besides, 

varying the concentration of MVSA precursor and ionic crosslinkers, the viability of rat primary 

SCs in biofabricated MVSA strands were investigated.  

 Chapter 5 examines the directional axon growth ability of hydrogel scaffolds bioprinted 

with either single or composite PCSA precursor. In particular, the single (i.e. RGD or YIGSR) or 

composite (RGD: YIGSR = 1:2) PCSA precursor was characterized evaluating printability, 

mechanical strength, and biological performance of the scaffolds. The 2D printability of the 2% 

composite PCSA precursor was assessed by comparing the theoretical strand width, pore shape 

and angle between strands with experimental values. In addition, the printability of the precursor 

was examined in three different concentrations of CaCl2 solution (i.e. 50, 100, and 150 mM). 

Moreover, the morphology of the degraded surface of composite PCSA scaffolds was evaluated with 

SEM imaging. The mechanical strength of the composite scaffolds was evaluated in terms of 

swelling, degradation, and elastic modulus over a 3 week period. Besides, the biological 

performance of the single or composite PCSA precursor was evaluated by studying the viability, 

morphology, and BDNF generation of SCs. In addition, the directional neurite growth from 

stimulated neuron cells seeded on PCSA scaffolds was assessed. 

In chapter 6, the methods developed and results obtained from the present study are 

summarized and on this basis, conclusions are drawn and presented. Besides, suggestions of 

future research directions are presented and discussed in the chapter. 
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1.7 Contributions of the primary investigator 

The published articles included in this thesis have multiple co-authors. However, the first author, 

Md. Ariful Islam Sarker, is the primary investigator of the research work as per the mutual 

understanding of all co-authors. In this dissertation, the co-authors are greatly appreciated and 

acknowledged for their valuable contributions. 
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CHAPTER 2 

Strategic Design and Fabrication of Nerve Guidance Conduits for Peripheral Nerve 

Regeneration 

 

This chapter has been published as “MD Sarker, Saman Naghieh, Adam D McInnes, David J. 

Schreyer, and Xiongbiao Chen, Strategic Design and Fabrication of Nerve Guidance Conduits 

for Peripheral Nerve Regeneration. Biotechnology Journal. 2018, 13, 1700635." According to 

the Copyright Agreement, "the authors retain the right to include the journal article, in full or in 

part, in a thesis or dissertation".  

(All the literature review was conducted by me. Saman Naghieh and Adam D McInnes helped me in preparing 

Tables and Figures. Professor Xiongbiao Chen and David Schreyer guided and supervised the whole review work.) 

 

2.1 Abstract 

Nerve guidance conduits (NGCs) have been drawing considerable attention as an aid to promote 

regeneration of injured axons across damaged peripheral nerves. Ideally, NGCs should include 

physical and topographic axon guidance cues embedded as part of their composition.  Over the 

past decades, much progress has been made in the development of NGCs that promote 

directional axonal regrowth so as to repair severed nerves. This paper briefly reviews the recent 

designs and fabrication techniques of NGCs for peripheral nerve regeneration. Studies associated 

with versatile design and preparation of NGCs fabricated with either conventional or rapid 

prototyping (RP) techniques have been examined and reviewed. The effect of topographic 

features of the filler material as well as porous structure of NGCs on axonal regeneration has also 

been examined from the previous studies. While such strategies as macroscale channels, lumen 

size, groove geometry, use of hydrogel/matrix, and unidirectional freeze-dried surface were seen 

to promote nerve regeneration, shortcomings such as axonal dispersion and wrong target 

reinnervation still remain unsolved. On this basis, future research directions are identified and 

discussed.   

  

2.2 Introduction 

Peripheral nerve injuries occur through traumatic, non-traumatic, and iatrogenic events, and 

cause painful neuropathies and neuromas, poor sensation, and weakness and paralysis for 
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patients due to the loss of function in damaged motor and sensory axons [1]. Successful 

regeneration of injured nerves is important for improving patient quality of life, and preventing 

complications that can result from the repair process gone wrong.  

Over the past decades, regeneration of damaged peripheral nerves using nerve tissue 

grafts has been extensively studied and significant progress has been made. Early work 

investigated the clinical use of autografts, allografts, and xenografts in cases where severed nerve 

ends could not be rejoined with sutures.  However, shortcomings of the use of grafts, including 

limited availability, donor site morbidity, and immunological rejection, inspired the development 

of alternative, artificial nerve guidance conduits (NGCs) [2]. The preliminary approach of 

promoting nerve repair with a hollow cylindrical conduit had limited success due to a lack of 

physical and topographical axon guidance cues [3]. Although hollow conduits could help in 

reconnecting injured nerve over a short distance (< 20 mm) [4], conduits with micro- and 

nanostructure fabricated by advanced techniques has recently been shown to promote the 

regeneration of axons across a much longer nerve gap [5]. Furthermore, placement of micro- and 

nanofibres at high density within the core of the NGC is helpful in generating high surface area 

within the conduit, while maintaining high porosity.   

The distal portion of an injured peripheral nerve undergoes Wallerian degeneration [6], 

and the support cells known as Schwann cells (SCs) begin to reorganize and secrete growth 

factors and extracellular matrix (ECM) molecules that can guide regenerating axons back toward 

their appropriate peripheral targets through the persisting distal endoneurial tube. During axonal 

regeneration, SCs migrate and form “bands of Büngner” that provide a favourable, linear growth 

substrate for axons. During Wallerian degeneration, a variety of biological factors promotes SC 

proliferation, migration, differentiation, and linear organization [7]. The growth cone formed at 

the proximal end of each severed axon follows these bands of Büngner to reach the distal target 

[8]. Biological cues that promote linear axon growth may be in the form of attachment sites on 

the SC surface, adhesion molecules in the SC-produced ECM, or SC-secreted diffusible growth 

factors. However, severed axons that face a gap between the proximal and distal nerve stumps 

lose access to the natural physical and biochemical cues that promote and guide their growth. 

Misguided axons eventually advance and enter inappropriate anatomical territory, which 

prevents restoration of appropriate function in denervated tissues [9]. The use of NGCs can 
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minimize the axonal dispersion and cross target reinnervation, but more must be done to 

compensate for the loss of positive guidance cues that help axons grow across a gap.   

Several studies report the incorporation of macro-, micro- and nanoscale filler materials 

within the NGC to facilitate axon regeneration. These methods have included using macroscale 

multilumen/multichannel structures, hydrogel matrix filler materials, magnetically-aligned 

fibrils, conduits rolled up from sheets of material, and unidirectional freeze-dried structures. 

Significant success obtained by introducing macroscale interior topography in promoting axon 

regeneration has led researchers to further explore micro- and nanoscale approaches.  

There are two main approaches to fabricating NGCs with interior structure, i.e., 

conventional and rapid prototyping (RP) approaches. Conventional approaches of fabrication of 

conduits and filler materials result in variable pore size and geometry, with randomly oriented 

structure. NGCs fabricated by the conventional approaches show limited success in axon 

regeneration due to mass transfer complexities and disarrangement of the geometries. In contrast, 

precise and uniform geometry can be obtained by using RP approaches. Thus, NGCs can be 

fabricated with interconnected pores that facilitate vascular network formation and diffusional 

mass transfer for delivering nutrients to growing axons [10,11]. RP approaches also offer the 

promise of including more sophisticated design elements that function to guide axon growth in 

the right direction.  

 In this paper, a brief literature review has been conducted to explore RP techniques, 

including both extrusion and laser- and nanoscale-based assembly for NGCs fabrication. Further, 

this paper reviews the recent advances in the design and fabrication of NGCs embedded with 

topographic and biophysical cues for peripheral nerve regeneration. Such NGCs have shown 

promise in reducing the axonal dispersion and off-target reinnervation, and promoting the guided 

axonal growth in vitro and in vivo.  

 

2.3 Strategic design of NGC 

Hollow cylindrical NGCs were initially developed to bridge a nerve gap and confine axon 

regeneration to an appropriate channel. Unfortunately, the hollow NGCs resulted in poor axon 

regeneration across nerve injury gaps exceeding ∼20 mm. To overcome this limitation, 

researchers have investigated various strategies to enhance the physical and biological cues 

within hollow NGCs (Fig. 2.1) and thereby improve axon growth across large nerve gaps. 
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Regenerating axons develop distal tip expansions called growth cones that explore and recognize 

growth and guidance cues within the surrounding milieu. Growth cones extend membranous 

protrusions called filopodia and lamellipodia that interact with the extracellular environment on 

the nanoscale range. Growth cone adhesion and attachment to a solid surface is necessary for 

axon growth. Thus, the microarchitecture of the NGC interior is likely to be a crucial factor for 

achieving effective axon growth across an injury-induced peripheral nerve gap.   

 

Fig. 2.1 Schematic of strategic design of NGC to promote directional axon growth and 

regeneration 

 

2.3.1 Hollow NGCs 

Hollow cylindrical tubes (Fig. 2.1) can be fabricated with natural or synthetic biomaterials 

typically by using melt extrusion, injection molding, physical film rolling, crosslinking, braiding, 

and electrospinning methods, [12–14].  The mechanical, physicochemical, and biological 

interactive properties of the prepared hollow tubes depend on both the preparation method and 
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the type of biomaterial. In vivo, hollow NGCs promote the formation of fibrin networks 

engendered by the blood clotting process, migration of various cells (e.g., SCs, endothelial cells, 

fibroblasts, etc.), and accumulation of neurotrophic growth factors from surrounding tissues. 

Further, several studies reported that hollow NGCs decrease neuroma and scar formation, 

collateral axon sprouting and myofibroblast infiltration [9,15]. However, hollow nerve conduits 

themselves lack biological, biochemical, and biophysical cues that are essential for directional 

neurite outgrowth. This may be why implanted hollow NGCs demonstrate inferior functional 

recovery compared to autografts [16]. The clinical and animal model study of single hollow tube 

NGCs are limited to cases of ≤ 30 mm nerve gap (Table 2.1), correlating with inappropriate and 

disorganized dispersion of the regenerating axons growing through the NGC lumen [17]. 

 

2.3.2 Porous NGCs 

Porous NGCs (Fig. 2.1) were evaluated for their potential to support regenerating peripheral 

nerves over the past decades. Porous NGCs allow for blood vessels, nutrients, oxygen, and 

growth factors to permeate the structure [22]. Moreover, they permit migration of Schwann cells 

from adjacent nerve tissue that can form aligned structures similar to bands of Büngner [6]. In 

contrast, nonporous conduits do not permit such mass transfer [18] and can lead to nerve 

compression due to the accumulation of extracellular fluid [19]. Between these two extremes are 

semipermeable NGCs, which allow blood vessels, nutrients, oxygen, and growth factors to enter 

the conduits while excluding fibroblasts [20] that may inhibit nerve regeneration by depositing 

chondroitin sulfate within the NGC [21].  Asymmetric porous structures allow for the drainage 

of debris and other wastes in the early inflammatory period, preserve neurotrophic growth 

factors, and prevent the infiltration of inhibitor cells during axon regeneration (Table 2.1) [22].  

Proper selection of the degree of NGC porosity is thus important in promoting optimal nerve 

regeneration. 

 

2.3.3 Matrix loaded NGCs 

In the case of a nerve gap > 20 mm, a hollow NGC cannot promote good nerve regeneration 

even with the formation of an internal fibrin network [23]. Schwann cells fail to form sufficient 

bands of Büngner at the lesion site and the nerve regeneration process remains ineffective due to 

insufficient topographical guidance cues [24]. Porous matrices could be incorporated into  
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hollow conduit or hollow NGC having wall porosity to incorporate physical cues in the NGCs. 

Incorporation of a matrix, typically made from hydrogel, into hollow conduits can promote 

directional growth of neuron cells (Fig. 2.1). Polysaccharides, ECM molecules, proteins, and 

peptides have been used in different studies to prepare a hydrogel matrix for use in hollow 

NGCs. ECM proteins such as collagen, fibronectin and laminin contain attachments sites that are 

recognized by advancing axonal growth cones, and inclusion of these proteins leads to better 

nerve regeneration in several in vivo studies (Table 2.1). For example, collagen- chondroitin-6-

sulfate-filled collagen nerve conduits implanted in a 10-mm sciatic nerve defect in rats could 

recover the nerve function, and the recovery was close to that of the autograft implanted group 

[25]. Diluted ECM material used as filler can facilitate superior axon regeneration than 

concentrated ECM materials can. This effect has been proved when diluted collagen- or laminin-

gel-filled silicon tubes promoted better nerve regeneration through 6 mm sciatic nerve gaps in 

mice than saline solution [26]. The combined effect of various ECM molecules has also been 

investigated in axon regeneration to mimic the in vivo situation. Laminin combined with 

fibronectin was found to be very effective for bridging a larger nerve gap compared to 

cytochrome-c, fibronectin, laminin, or nerve growth factor loaded conduit when silicon chambers 

filled with fibronectin and laminin were implanted into a 18 mm severed sciatic nerves ends of 

rats [27]. Including growth factors within the ECM molecule have been seen to favour axon 

regeneration compared to only ECM-molecule-loaded NGCs. NT-3, BDNF, or aFGF-1 included 

in a collagen matrix enhances better axon growth in the rat compared to plain collagen-gel-filled 

porous PHEMA-MMA NGCs. Notably, aFGF-1 promotes angiogenesis within the NGCs, and 

can facilitate similar nerve regeneration to autografts [28]. Besides, incorporating polysaccharide 

molecules within the NGC have been seen to aid axon regeneration. Although the polysaccharide 

molecules do not contain cell binding peptides, absorption of fluids produced in the wound at the 

implantation site improves their biological performance. PGA mesh tubes filled with alginate 

sponges caused functional nerve regeneration three months postoperatively when implanted in a 

50 mm gap in the right sciatic nerve of cats [29].  

 

2.3.4 Multichannel NGCs  

Surface energy distribution, nanoscale chemical heterogeneities, and roughness are some of the 

factors in NGC design that may be important for promoting axon extension. Different methods 
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have been used to manufacture scaffolds with multiple channels and patterns. Several studies 

have used molding techniques to introduce macroscale multichannels within NGCs that 

potentially provide a permissive pathway for axon growth (Fig. 2.1). Multiple channels facilitate 

attachment of Schwann cells, release of growth factors, and lessen the dispersion of regenerating 

axons. Multilumen collagen conduits were observed to reduce axonal dispersion and facilitate 

functional nerve regeneration when implanted in a 10 mm sciatic nerve defects in rats [30]. 

However, while multichannel scaffolds are useful in reducing axonal dispersion, macro-sized 

lumens could not provide sufficient physical cues for directional outgrowth of axons. Over the 

past decades, researchers have explored various approaches and fabrication methods to develop 

microchannels within the NGCs. Microchannels offer topographical and physical cues that better 

mimic the microchannels of an endoneurium tube. In vivo, collagen-chitosan (CCH) scaffolds 

having longitudinally-orientated, parallel microchannels showed nerve regeneration and 

functional recovery similar to autografts when used to repair a 15 mm sciatic nerve gap in rats 

[31]. Such micropatterns affect Schwann cell migration and axon regeneration at the microlevel 

where these cells interact with them.  

 

2.3.5 Rolled-up pattern/micro-groove incorporated NGCs 

A number of studies have used rolled up micro- or nanopatterned two dimensional  surfaces, or 

patterned micro- or nanomaterials as a filler material for NGCs (Fig. 2.2G and 2N) [32]. It was 

demonstrated that silicon nitride microtubes (Fig. 2.2E) prepared with conventional planar 

processing technique could provide a pathway for neuron cells [33]. Fabrication of microgrooves 

has been explored (Fig. 2.1), which has shown that while microgrooves facilitate cell attachment 

and growth, the size of the grooves should be designed with regards to cell diameter to obtain the 

desired performance. Experimental data suggest that narrow microgrooves (5-10 µm) constrain 

the development of cells (12 ± 3 μm) and axon outgrowth compared to wider grooves (20-60 

µm). However, the smaller microgrooves were found to better align axon growth, minimize the 

number of axon branches per cell, and reduce wrong target reinnervation [34]. Electrospun 

cellulose acetate butyrate nanofibers having longitudinal nanogrooves (200 nm) supported better 

functional recovery of sciatic nerves in rats compared to controls [35]. Electrospinning of high 

molecular weight cellulose acetate butyrates resulted in grooves on nanofibres. Incorporation of 
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nanogrooves (Fig. 2.2J and 2.2K) in NGCs increases the available surface area to volume ratio, 

and thus enhance cell and growth cone attachment and proliferation [36].  

Another method that has been evaluated is anisotropic micropillar arrays. These patterns 

are created by fabricating arrays of micro- and nanoscale columns using methods such as 

capillary force lithography and photolithography (Fig. 2.2I). The research has shown that both 

the size of the pillars and the distance between the pillars has important effects on the resulting 

axon growth. [37,38]. Moreover, gradients of the topographic features in the nanoscale range 

cause directional topotaxis of neurons. Arrays of nanocolumns (diameter 600 nm) in a graded 

fashion (Fig. 2.2F) caused migration of neurons in vitro in the direction of sparser column after 

12 hours of seeding [37]. Nanoscale roughness of the substrate has also been investigated for its 

effect on axon extension (Fig. 2.2M). Higher value of mean roughness (Ra ~80–100 nm) were 

associated with lower levels of cell adhesion on the substrate and higher levels of cellular 

necrosis. Conversely, a lower value of Ra (36 nm) was associated with much higher levels of cell 

attachment and lower levels of cellular necrosis [39]. The diameter of the nanoparticles used to 

form packed features on the nanosurface was also studied (Fig. 2.2L). Well-packed silica beads 

(>200 nm) on a glass substrate were reported to accelerate neurite out growth in vitro [40]. 

Packing density and size of the nanoparticles were shown to have an influence on the rate of 

axon outgrowth.  

In order to better mimic the physiologic environment, rolled-up sheet was prepared by 

compiling a micro-patterned surface containing nerve cells and a flat membrane having a 

gradient concentration of neurotrophic factors (Fig. 2.2D) [41]. Besides, several studies have 

incorporated nerve growth factor (NGF) loaded microspheres into patterned microstructures to 

prepare NGCs. For example, a collagen-chitosan (CCH) conduit, having longitudinally oriented 

microchannels and NGF loaded chitosan microspheres, resulted in superior nerve generation in a 

15-mm-long sciatic nerve gap in rats compared to NGF loaded CCH or CCH conduit alone 16 

weeks postoperatively [42]. In these studies, microspheres were identified as an effective carrier 

for NGF to achieve controlled release.   
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Fig. 2.2 Schematic of versatile conduit design for peripheral nerve regeneration, (A), self-

assembled NGC; (B), rolled up Schwann cell sheet; (C), unidirectional freeze dried surface; (D), 

rolled up sheet containing Schwann cells and NGF in a graded fashion ; (E), microtubes prepared 

with planar processing; (F), graded nanoscale feature; (G), rolled up microscale pattern; (H), 

magnetically aligned fibrils; (I), surface having nanoscale column; (J), surface with nanoscale 

gratings; (K), nanofilaments with nanoscale grooves; (L), surface with nanoscale packed beads; 

(M), surface having nanoscale roughness; (N), rolled up multilumen NGC. 

2.3.6 NGCs loaded with filaments 

Unidirectionally aligned microfilaments assist axonal growth cones in recognizing and 

responding to the microenvironment in order to follow a path (Fig. 2.1). Simultaneously, SC 

migration could be affected by the stiffness gradient of microfilaments [43]. As a consequence, 

axon growth towards the distal part of a severed nerve is improved. Besides helping direct axonal 

growth, micropatterned substrates lessen the inflammatory response and foreign body reaction 

[44].  To mimic the autologous nerve graft, studies were conducted incorporating a large number 

of microfilaments within NGCs. These studies demonstrated that the number of microfilaments 

in NGCs had a significant effect on axonal regeneration [45] and that more microfilaments were 
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associated with improved nerve regeneration. However, while a larger number of microfilaments 

promoted better axon regeneration, excess microfilaments were found to inhibit axonal growth. 

The degree of successful nerve regeneration and the number of axons that ultimately matured to 

become myelinated were found to be improved with lower, rather than higher packing densities 

[46]. Synergistic effect of porous conduit and microfilaments on axon regeneration was also 

evaluated in vivo. A microporous chitosan conduit loaded with oriented PGA micro filaments 

could functionally recovered a 30-mm dissected sciatic nerve trunk in Beagle dogs six months 

post operatively [47]. 

 

2.3.7 Magnetically/cell aligned fibres  

ECM hydrogels containing entangled 50 – 500 nm protein fibrils (collagen, fibrin, and laminin) 

can promote axonal growth across a long nerve gap (> 6 mm) [26]. However, axons that grew in 

such conduits were often misguided by the randomly oriented fibrils and this lead to poor nerve 

regeneration [48]. Fibrin deposition occurring as part of the normal blood clotting process is seen 

to form a bridge across a nerve defect and thus promote axon regeneration. However, the size 

and orientation of fibrils, and the required fibrin formation time significantly affect the axon 

regeneration process [49]. To overcome the random distribution of fibrils, efforts were conducted 

in several studies to prepare unidirectional fibrils with external forces (Fig. 2.2H), which have 

shown improved axon outgrowth.  These studies suggest that both direction and size of protein 

fibrils influence the axon regeneration.  

Since fibrin doesn’t have enough mechanical stability, researchers have explored 

alternative biomaterials that can be aligned through applying external forces. High-strength 

magnetic fields were used to align type I collagen monomers into fibrils. Increases in the 

magnetic field strength were associated with improved axon growth and alignment, both in vitro 

and in vivo, compared to both lower-strength fields and no alignment [50,51].  Magnetically 

aligned type I collagen gel loaded collagen NGCs promoted better nerve regeneration compared 

to non-aligned collagen gel group while implanted into 4-6 mm sciatic nerve gap of mice 60 days 

after implantation [51].   

Other methods of preparing aligned fibrils have been evaluated, including electrical 

gradients, gravity-driven flow and polymerization, etc. Of the different methods assessed, 

magnetic alignment of the fibrils was superior [52–54]. Besides application of external forces, 
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alignment of protein fibrils using cell-induced forces has been explored. Incorporation of 

appropriate cell types, notably SCs and fibroblasts embedded within the gel, generate contraction 

forces due to attachment and migration. These cell-aligned fibril NGCs showed improved nerve 

regeneration compared to empty NGCs [55]. In search of other substitute biomaterials, NGCs 

consisting of unidirectional-shear-oriented strands of fibronectin have also been evaluated. These 

conduits demonstrated levels of regeneration and SC migration comparable to autologous nerve 

grafts, and were superior to freeze-dried muscle [56]. 

 

Table 2.1 Conduit designs for nerve regeneration 

Conduit/ 

coating 

material 

 

Scaffold 

Details/ 

filler material 

Fabrication 

method 

In vitro/ 

In vivo 

Study 

period 

Results Ref. 

PLGA Hollow fibre 

membranes 

Wet phase 

inversion 

In vitro  Selective permeability was lost at 3 

weeks, and degraded completely at 8 

weeks.  

 

[57] 

Glycolide 

trimethylene 

carbonate 

(GTMC) and 

collagen 

Hollow NGC, tube 

and crimped form 

 2- and 5-cm 

nerve gaps in 

primates 

14 

months  

GTMC conduit showed better axon 

regeneration in a 5 cm nerve gap than 

collagen conduit, but inferior axon 

growth in a 5 cm gap compared to a 2 

cm gap. 

 

[58] 

 

 

 

 

 

PLGA and 

pluronic F127 

Asymmetrically 

porous (pore size: 50 

nm inside, and  50 

µm outside) 

 

Immersion 

precipitation 

10 mm sciatic 

nerve gap in rat 

6 

months 

Better axon regeneration than controls, 

inside of the NGC prevented the 

connective tissue infiltration and NGF 

accumulation, while the outside aided 

vascular ingrowth 

 

[59] 

PGA tube 

coated with 

collagen 

Filled with NGF, 

bFGF and Matrigel 

Cylindrically 

woven 

25 mm sciatic 

nerve gap in 

cats. 

16 

months 

Latency and SEPs were almost normal, 

walking pattern did not recover.  

 

[60] 

Silicone rubber Keratin hydrogel Hydrogel by 

rehydration  

5 mm tibial 

nerve gap in 

mice 

6 

months 

Keratin hydrogel showed similar 

CMAP, but there was greater axon 

density and diameter in autograft 

controls. 

 

[61] 

PGA/ 

Collagen 

Collagen sponge Tubular 

braiding 

15 mm peroneal 

nerve gap in 

dogs 

6 

months 

CNAPs and SEPs for the PGA-collagen 

NGC had a smaller latency and higher 

peak voltage than those on the 

autograft. 

 

[62] 

PGA/ 

Collagen 

Laminin soaked 

collagen sponge 

 80 mm peroneal 

nerve gap in 

dogs 

12 

months 

CMAPs showed complete recovery, 

SEPs indicated substantial recovery, 

and walking patterns reached near-

normal. 

 

[63] 

PLLA/PCL and 

PU/PLLA 

Two-ply conduit, 

outer pore 30–70 μm, 

inner pore 0.5–1μm 

Immersed 

extrusion  

7 mm sciatic 

nerve gap in 

rats 

2 

month 

Nerve regeneration was similar to 

autograft. 

[19] 

PLLA Porous NGC, 

porosity 83.5% and 

pore size 12.1 μm 

Extrusion  10 mm sciatic 

nerve gap in 

rats 

16 

weeks 

Walking track analysis and 

gastrocnemius muscle weight was 

better in isograft than PLLA conduit. 

 

[64] 

PLA Microporous NGC, Transfer 15 mm sciatic 8 weeks SCs with ASCs or DPSCs seeded [65] 
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ASCs , DPSCs, and 

SCs seeded 

molding nerve gap in 

rats 

conduit promoted better peripheral 

nerve regeneration than ASCs or 

DPSCs alone. 

 

PLA Microporous NGC, 

GDNF or BDNF 

gene transfected 

NSCs seeded 

Solvent/ 

nonsolvent 

process 

15 mm gap in 

rat sciatic nerve 

8 weeks More myelinated axons and improved 

functional recovery was seen in GDNF- 

and BDNF-transfected NSCs than 

nontransfected NSCs.  

 

[66] 

Acrylic and 

silicon 

Semipermeable and 

impermeable tubes 

 4 mm sciatic 

nerve gap in 

rats 

27 

weeks 

More myelinated fibres and better 

endoneurium surface was seen in the 

impermeable NGC. 

 

[67] 

PLLA conduits NGC loaded with 

SCs and collagen 

matrix 

Solvent casting, 

extrusion, 

particulate 

leaching 

12 mm sciatic 

nerve gap in 

rats. 

4 

months 

Gastrocnemius muscle weight was 

similar, but axon density was inferior to 

isograft controls. 

[68] 

PLA Microporous 

asymmetric conduit 

Immersion 

precipitation 

20 mm sciatic 

nerve gap in 

rabbit 

18 

months 

Functional recovery was ∼82%, but 

morphologies were different from 

normal sciatic nerve. 

 

[69] 

Silicone rubber  Collagen, laminin, 

and fibronectin gel 

 10 mm gap in 

rat sciatic nerve 

6 weeks 28% more cross-sectional area and 

myelinated axons in the extracellular 

gel group than the controls. 

[70] 

 

PGA–collagen Laminin coated 

collagen fibres 

Cylindrically 

woven PGA 

mesh 

80 mm gap in 

dog peroneal 

nerve 

12 

months 

Numerous unmyelinated and 

myelinated nerve fibres grew, dogs 

showed normal walking pattern. 

 

[71] 

PGA mesh Freeze dried alginate 

gel 

Cylindrically 

woven 

50-mm gap in 

cat sciatic nerve 

7 

months 

Functional reinnervation of motor and 

sensory nerves occurred as per CMAP 

and SEP. 

 

[72] 

Gelatin 

methacryloyl 

(cryoGelMA) 

Multichannel NGC 3D printing 10 mm sciatic 

nerve gap in 

rats 

16 

weeks 

Regeneration is comparable to 

autografts as per functional and 

histological evaluations. 

 

[73] 

PEG Single and multi-

lumen 

Stereolithograp

hy 

10 mm sciatic 

nerve gap in 

rats 

5 weeks Numbers of regenerated axons in single 

lumen was close to normal nerve, and 

higher than multilumen NGC. 

 

[74] 

P(LLA-CL) Multichannel with 

aligned nanofibres 

Electrospun In vitro, seeded 

with Schwann 

cell 

14 days Schwann cells grew on nanofibres, and 

cell growth was increased in high 

channel density than the lower one. 

 

[75] 

PDLLA Schwann cell seeded 

on micropatterned 

inner lumen 

Transfer 

molding 

10 mm sciatic 

nerve gap in 

rats 

8 weeks Sciatic function index and walking 

track analysis was enhanced in the 

conduit implanted groups. 

[76] 

PCL-PLA Microgrooves with 

geometries (V 

shaped, sloped walls, 

and square shaped) 

Solvent casting In vitro, neural 

cell line 

1 

week 

Nerve cells responded to the shape of 

the longitudinal grooves and the slope 

angle of the groove walls. 

[77] 

Silicone Collagen gel (G), 

fibres (F), 100  ̶ 

150µm collagen 

fibres coated with 

laminin (L) or 

YIGSR (Y) 

Elongation with 

a weight 

10 mm sciatic 

nerve gap in 

rats 

8 

weeks 

Myelinated axons density in the L- and 

Y-group were higher than F-group, 

regeneration didn’t happen in G group. 

[78] 

Silicone  PLLA 

microfilaments, 

Packing density 

(3.75, 7.5, 15, and 

30%) 

Wet-spun 10 mm gap in 

the rat sciatic 

nerve 

10 

weeks 

Lower packing densities grew more 

myelinated axons than highest packing 

density groups, regenerated nerve up to 

18 mm gap. 

[46] 

No external 

conduit coating 

Collagen filaments, 

diameter 20 μm  

 20 mm rat 

sciatic nerve 

defects  

25 

weeks 

Number and diameter of grown axons 

were 6,900 and 3.1 µm in autograft, and 

6,300 and 3.3 µm in filament groups.  

 

[79] 
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No external 

conduit coating 

Collagen hydrogels 

with magnetic 

nanoparticles 

External 

magnetic field 

In vitro with 

primary neuron 

cells 

7 days Neurons showed normal electrical 

activity, viability, and formed elongated 

morphology. 

[80] 

 

2.4 RP NGC fabrication techniques  

RP refers to techniques used to quickly create 3D parts or constructs based on the layer-by-layer 

manufacturing technology. Among various RP techniques, extrusion-based and Laser-based 

techniques have been widely used to fabricate constructs or scaffolds for a wide range of tissue 

engineering applications [78-90].  

 

2.4.1 Extrusion-based techniques 

In extrusion-based techniques, extruders/printers are used to deposit/print biomaterial solutions, 

where the biomaterials may also be augmented with living cells or biologically active proteins 

(referred as to bioprinting) [81].  For instance, Pati et al. have reported the bioprinting of 

decellularized ECM protein using a multi-head tissue/organ building system [82]. Such 

novel bioink resulted in high cell viability and functionality in the in vitro experiments.  

An extrusion-based printer mainly consists of a small nozzle for dispensing the biomaterial 

solution and an automatic robotic mechanism which is capable of moving in x, y, and z 

directions [83–86]. This technique uses mechanical (piston/screw-based) or pneumatic 

mechanisms to extrude the biomaterial (Fig. 2.3A). The flow behaviour of the biomaterial, 

especially its viscosity, plays a central role on the accuracy of deposition with these techniques 

[87]. Mechanically-operated 3D bioprinting systems can print biomaterials with relatively high 

viscosities, which is a main benefit of this technique over pneumatic systems. Moreover, this 

technique might be coupled with medical imaging techniques to create custom-made constructs 

[88]. Biomaterials with higher viscosities can support their own weight during the printing 

process and thus prevent any collapse during fabrication of a porous scaffold. However, damage 

to any encapsulated cells during extrusion due to large shear forces is a problem with this type of 

bioprinter [89]. It should also be noted that pneumatic methods may introduce delays in 

dispensing biomaterials owing to the use of a compressed gas volume and, thus, the mechanical 

methods can provide better control over the flow of biomaterials [90]. However, pneumatic 3D 

bioprinters have a simpler mechanism compared to mechanical bioprinters.  
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As a general rule, biomaterial selection for extrusion-based bioprinting should be based 

on satisfying requirements for both the mechanical stability of the material and preservation of 

cell viability and functionality [91,92]. It has been reported that 3D bioprinting techniques are 

capable of printing biomaterials with viscosity from 0.03 Pa/s to more than 30000 Pa/s [93]. 

Low-viscosity materials are generally good candidates for maintaining cell viability during and 

after printing, but materials with higher viscosity can provide better support and fidelity during 

the printing process. 

Hydrogels are favoured biomaterials in extrusion-based bioprinting because of their high 

water content and their ability to mimic the properties of ECM [94]. Hydrogels are grouped as 

natural or synthetic in origin. Polysaccharides, such as alginate and chitosan, are considered 

natural hydrogels, and are noted for exhibiting good printability (Table 2.2). However, they do 

not have cell adhesion sites, which are necessary for cells to attach to the biomaterial [95,96]. On 

the other side, synthetic hydrogels facilitate the fabrication of scaffolds with modulated 

properties, but they do not participate in natural cell interactions and do little to promote cell 

functionality [97].  

There are several factors that need to be considered in selecting suitable hydrogels for 

extrusion bioprinting. In extrusion-based bioprinting, hydrogels with shear-thinning behavior 

have drawn attention from researchers because these hydrogels show both self-healing properties 

and have reduced viscosity at higher shear rates [98]. Although promising, shear-thinning 

biomaterials offer relatively lower cell viability during extrusion compared to other methods 

(such as inkjet) due to shear-induced cell damage [99]. While the use of lower dispensing 

pressures and larger bore needles has proven effective in reducing cell damage, this comes at the 

expense of lower resolution of printing [100]. Considering that nanoscale features are required to 

mimic the native tissue, while the available extrusion-based bioprinters on the market can offer 

maximum 5 µm printing resolution at low speeds, research on developing and selecting 

biomaterials suitable for nanoscale fabrication is an important topic [101,102].  

With more advanced 3D bioprinters, multiple nozzles can be used to dispense different 

materials, both as separate print heads as well as with coaxial nozzles (Fig. 2.3B). For example, 

Schwann cells and scaffold material can be printed separately to fabricate cell-encapsulating 

microlumen structures for axon regeneration [101]. Extrusion-based 3D bioprinting yields cell 

viability ranging from 40% to 97% depending on the types of biomaterial and extrusion-based 
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system used [103]. Some approaches have been developed that improve cell viability by using 

extrusion, then cross-linking, in a two-steps process [104]. Since cells cannot degrade some 

hydrogels (e.g. alginate) by enzymatic degradation, or form adhesive contacts, encapsulated cells 

in these hydrogels show circular morphology and poor proliferation in culture [105]. As a result, 

the poor cell-cell and cell-biomaterial interactions within an NGC fabricated using these 

hydrogels will inhibit nerve regeneration. To tackle this issue, composite scaffolds have been 

printed using multiple biomaterials, where mechanically stable materials were used to ensure 

structural support over time, while co-dispensed soft or enzymatically degradable materials were 

used to incorporate cells at higher densities. For instance, in a recent study, Gao et al. have 

shown how to functionalize alginate so that it can promote the proliferation, differentiation, and 

neovascularization of endothelial progenitor cells while maintaining the 3D coaxial printability 

[106]. 

In an extrusion-based system, the dispensing material remains in a liquid state in the 

nozzle, and then turns into a solid phase after being printed. Deposited material undergoes sol-

gel transition via photoconversion, thermal conversion, or pH-induced, enzymatic, or chemical 

crosslinking [107].  Slow or fast sol-gel transition of the dispensed material has been explored 

for different cell-seeding techniques in different studies.  Scaffolds can be prepared with harsh 

condition (e.g. high temperature, toxic crosslinker, acidic or alkaline chemicals, etc.) for post-

bioprinting cell seeding, whereas cell-incorporation in a biomaterial requires optimum conditions 

to maintain cell viability during the entire biofabrication process [108]. In addition, hydrogel 

materials used in extrusion systems need to be crosslinked quickly to preserve structure, prevent 

cell damage, and facilitate printing complexity [109]. Nontoxic ionic crosslinkers have been used 

in many studies to crosslink hydrogel precursors immediately upon being dispensed under 

biologically mild conditions. The type and concentration of ionic crosslinkers must be 

considered carefully in light of other variables associated with the fabrication process (e.g. 

nozzle diameter, dispensing speed, viscosity of the biomaterial, temperature, pneumatic pressure, 

etc.) in order to achieve good printing resolution and mechanical stability of scaffold over time 

[110]. Although extrusion-based systems are quite convenient in generating high cell density 

within hydrogel scaffolds, the lack of mechanical stability of hydrogel materials limits their 

application in nerve tissue engineering [111]. 
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Extrusion-based bioprinters have a major advantage in that they are capable of printing 

cells at high densities. To capitalize on this benefit, efforts have been made to bioprint nerve 

cells in high density without any biopolymers in order to induce cell fusion [112]. Such an 

approach, called a self-assembling spheroid, can facilitate the organization of tissues.  

In the recent years, the extrusion-based system has been modified to print different types 

of cells/biopolymer mixtures simultaneously with multi-robotic arms printing complex structures 

that mimic native tissue composed of multiple types of cells (e.g. nervous system, vascular 

networks, or lymphatic systems) [113]. Since neuron cells grow well in microchannels, 

application of coaxial nozzles in extrusion-based systems has made it possible to print 

microlumen scaffolds for nerve regeneration. Coaxial printing of materials can take several 

approaches that vary the shell and core structure of the printed strands, such as sacrificial 

material or the cross-linker as the core material, cell aggregates or hydrogel as the shell material, 

and can be combined with using a print bath. Some parameters, for example the flow rheology 

and concentration of hydrogel precursor and ionic cross-linker, dictate the nozzle diameter and 

shell thickness of the bioplotted strand extruded from a coaxial nozzle [114]. Generally, SCs are 

either incorporated into the shell structure during bioplotting, or post-seeded with microfluidic 

techniques onto the bioplotted acellular microluminal surface, and then perfused with culture 

medium to facilitate the formation of bands of Büngner. In recent years, researchers have put 

emphasis on the biofabrication of tissue constructs with cell aggregates to increase the cell-cell 

interactions. In this context, the coaxial systems could be implemented to extrude the cell 

aggregates in the shell structure while keeping the sacrificial material in the core. 
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Fig. 2.3 Schematic of rapid prototyping and nanoscale techniques for 3D scaffold fabrication. 

(A), extrusion-based system; (B), coaxial nozzle system for 3D bioplotting; (C), coaxial nozzle 

system for nanoscale fabrication; (D), laser-based system; (E), growth factors and cell 

incorporation approach in randomly-oriented nanofibres; (F), fabrication approach of aligned 

nanofibers. 

2.4.2 Laser-based Techniques 

Laser-induced forward transfer (LIFT) is a 3D bioprinting technique that has been successfully 

implemented for biological materials, like peptides, DNA, and cells [100,115–117] and has been 

utilized to fabricate NGCs for nerve tissue regeneration [118]. LIFT uses a pulsed laser beam, 

directed at a focusing mirror and lens, which is then focused on a tri-layer ribbon (Fig. 2.3D). 

The ribbon consists of a carrier for the biomaterial, a sacrificial layer in the middle that absorbs 

the laser energy, and donor layer that consists of cells and other related biological materials. The 

laser energy is absorbed by the sacrificial layer where it rapidly vaporises a small area, which in 

turn ejects the donor layer overlying that area. This process transfers cells and other biological 

materials on the ribbon to a receiver/acceptor substrate where it is collected.  

Since LIFT is a nozzle-free technique, nozzle clogging and shear-induced cell damage do 

not occur, and much higher resolution is possible. Using the LIFT technique, materials with 



35 
 

variable viscosities ranging from 1 to 300 mPa/s can be printed with acceptable cell viability 

[119,120]. The resolution of this technique depends on factors such as the amount of energy 

received, the distance between the receiver and ribbon, the viscosity of the cells/biological 

materials, and surface tension [121].  

Despite the benefits, the LIFT technique is challenging. Preparation of the ribbon for 

every material is quite time-consuming and the accurate positioning of cells cannot always be 

guaranteed due to problems with the ribbons (however, using a scanning system has been 

proposed to tackle this issue by selecting only one cell associated with each pulse of laser [100]). 

Moreover, it has been reported that bioprinted constructs fabricated using LIFT can be 

contaminated by the small amounts of metallic parts associated with the absorbing layer 

[122,123]. There is also a potential for cells to be damaged by direct exposure of laser energy. 

Finally yet importantly, LIFT technology is expensive.  

The LIFT approach has shown potential for fabricating high-density cell layers in 

applications such as cellularized skin constructs and custom bioresorbable tracheal splints [124]. 

In regenerating peripheral nerve, a number of in vitro and in vivo studies have been conducted to 

evaluate the performance of NGCs fabricated with LIFT technology (Table 2.2), and some of 

these showed results comparable to autografts [125,126]. However, translation of LIFT to large-

scale tissue production is still out of reach [127]. 

 

Table 2.2 Nerve regeneration with scaffolds fabricated with RP scaffold technique for nerve 

regeneration 

Biomaterial Details Fabrication 

method 

In vivo/  

in vitro 

Study 

period 

Results Ref. 

Agarose, BMSCs 

and SCs, self-

assembled (Fig. 

2.2A) 

Multi-luminal channels, 

~500 µm diameter cellular 

cylinders 

Extrusion-

based 

10 mm sciatic 

nerve gap in 

rats 

40 

weeks 

Motor function recovery similar 

to controls, presence of agarose 

within the channel prevented 

nerve growth 

 

[128] 

Agarose, BMSCs 

and SCs, self-

assembled 

Bioink made of SC (10%), 

and BMSC (90%), strand  
width  was 500 μm, conduit 

diameter was 2 mm 

 

Extrusion-

based 

10 mm sciatic 

nerve lesion in 

rats 

3 

weeks 

Axons(40%) at the proximal 

stump reached the distal segment 

of the sciatic nerve through the 

scaffold 

[129] 

Fibrin  Dimension 14 ×5 ×2 mm3, 

Strand angle of each layer 

alternated between 85°, 

90°, and 95° 

 

Extrusion-

based 

Schwann cell 

were 

incorporated, 

DRG seeded 

and cultured  

in vitro 

 7 days Schwann cells were aligned and 

DRG extended ~800 µm long 

neurites 

[130] 

Gelatin 

methacrylamide 

Porous scaffolds with and 

without graphene were 

Extrusion-

based 

Neural stem 

cells were 

2 

weeks 

Graphene promoted neuronal 

differentiation, low concentrated 

[131] 
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2.5 Nanoscale NGC fabrication techniques 

Nanotechniques have opened a new window on ways to obtain large surface areas in a small 

volume. The application of nanofibres to mimic ECM structures that promote tissue regeneration 

allows cells to interact with a 3D microenvironment composed of nanostructured collagen, 

laminin, fibronectin, elastin, or other ECM components. Electrospinning (ES), melt spinning, 

phase separation, and self-assembly are the four established techniques that can be used to 

prepare nanofibres, though this review will focus on ES only. These methods, especially ES, can 

be modified to include living cells deposited by electrospraying (Table 2.3).  

 

 

hydrogel with 

graphene 

nanoplatelets 

 

mixed with neural stem 

cells to create a cell density 

of 2×106 cell/mL  

 

 encapsulated 

and cultured 

in vitro 

 

GelMA showed good cell 

viability, stem cells extended 

their neurites  

Polyurethane (PU) 

PCL and PDLLA 

ratio was 4:1  

 Dimension 1.5 × 1.5 

× .15 cm3, contained 

4 × 106  NSCs/ml 

Extrusion-

based 

 

In vitro/in vivo 8 days Encapsulated NSCs showed 

excellent proliferation and 

differentiation, brain injured 

zebrafish was rescued 

 

[132] 

Collagen and 

gelatin gels 

8 Collagen layers (10 × 10 

mm2), spatial resolution 

was 600 µm, and 

incorporated cell density 

was 3.0 × 106 cells/mL 

 

Extrusion-

based 

Rat embryonic 

(day 18) 

neurons 

7 days Effective way for creating a 

unique cell patterned 3D 

structure in a high throughput 

manner 

 

[133] 

PEGylated 

hydrogels made of 

fibrinogen and 

collagen 

 

Micro-patterned  structure Photo-

lithography 

and photo-

ablation 

Chick dorsal 

root ganglion 

4 day Directed neurite outgrowth of 

DRG through the channels 

[134] 

PLA substrates 

Symmetric/asymm

etric microporous 

Micro-grooved  structure Photo-

lithography 

10 mm sciatic 

nerve defects 

in rats 

6 

weeks 

Asymmetrically porous 

microgrooved conduit grew 

highest degree of myelinated 

axons and blood vessels, and 

promoted functional recovery. 

 

[135] 

PLGA 

  

Microfibrous PLGA bundle 

enfolded in a 

micro/nanostructured 

PLGA membrane 

Photo-

lithography, 

and nano-

electroformi

ng  

 

2 x 104 neuron 

progenitor 

cells/mL were 

injected 

3 days Cell migration rate was 

increased 1.6-fold than a flat 

PLGA membrane, and 90% of 

the cells aligned with the 

designed patterns. 

[136] 

Poly(ethylene 

glycol) diacrylate  

1mm (diameter) x 5mm 

(length) x 250 µm (wall 

thickness) conduit 

Laser-based 

microstereoli

thography 

Schwann cell, 

neuronal, and 

DRG culture 

and 3 mm 

common 

fibular nerve 

gap in mice 

 

72 h in 

vitro 

and 3 

weeks 

in vivo 

Directional neurite growth from 

DRGs, axon regeneration close 

to that of an autograft control 

[126] 

PEGylated 

fibrinogen 

Photopatterned 

microchannel, depth  

~15-100 µm 

Laser-based 

photoablatio

n  

In vitro DRGs 

were cultured 

23 days DRGs grew unidirectional 

neurites in the  microchannel 

[137] 
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2.5.1 Electrospinning 

Of the four nanofiber production methods, ES is the most feasible in terms of cost and efficiency, 

and can be used to prepare aligned fibres, random fibres, fibrous conduits, and core-shell 

constructs. ES relies on an electrical charge to produce and elongate polymers into microscopic 

fibres, and has been used to fabricate nanofibrous scaffolds for nerve tissue engineering [138]. 

When these fibres are collected on a grounded plate or mandrel, the fibres will form a random, 

non-woven matt.  

A wide spectrum of materials can be electrospun, including synthetic, natural, composite 

or copolymers. For example, poly(L-lactic acid) (PLLA), polycaprolactone (PCL),poly(3-

hydroxybutyrate) (PHB), poly(3-hydroxybutyrate-co-3-hydroxyvalerate) (PHBV), 

polyethersulfone (PES), polydioxanone (PDS), methyl methacrylate-acrylic acid, poly(propylene 

carbonate) (PPC), collagen, silk fibroin, chitosan, and gelatin have all been electrospun to 

fabricate nanofibres for nerve tissue engineering (Table 2.3). While synthetic materials are 

superior to natural material in terms of mechanical strength and preparation flexibility, synthetic 

materials typically have poor hydrophilic properties and lack cell binding sites, limiting their 

application. Some research has evaluated the effects of modifying the surface chemistry 

(hydrophobicity) and morphology (roughness) of the nanofibres to achieve better cell adhesion 

properties [139]. In contrast, natural materials are more attractive compared to synthetic ones in 

terms of their hydrophilic properties and cell binding capacity. However, nanofibres composed 

of natural material show rapid or uncontrolled degradation rate, and poor mechanical strength. 

These limitations of both natural and synthetic material have led researchers to explore 

fabrication of nanofibres with hybrid, composite, or copolymers materials for applications in 

nerve tissue regeneration, and the results of those studies looks quite promising [140].  

In initial research, randomly-oriented nanofibres (synthetic or natural polymers) were 

prepared using ES technique to study nerve tissue growth in vitro and in vivo (Fig. 2.3C and 

2.3E). A number of promising studies using randomly-oriented fibres convinced researcher to go 

further with nanofibres. Researchers put emphasis on the fabrication of aligned nanofibres for in 

vivo nerve regeneration (Fig. 2.3F), as alignment of structures in NGCs are associated with 

improved directional growth of neurites [141]. Several studies have been conducted to date on 

regenerating nerve with aligned nanofibres, and the results are quite impressive. In different in 

vitro or in vivo studies, various types of pure or modified biomaterial were electrospun to 



38 
 

fabricate aligned nanofibres for nerve regeneration. Biomaterials were modified with 

copolymerization, hybridization, and incorporation of bioactive molecules or growth factors. 

Neuron explants cultured on electrospun nanofibres of high, intermediate, and random alignment 

showed axons became longer (16-20%) on highly aligned fibre compared to random and 

intermediate fibres [142]. To enhance the axon growth rate, researchers have looked at ES fibres 

loaded with growth factors and ECM components (Fig. 2.3E). Neurite extension was shown to 

be greatest on aligned, treated fibres having immobilized additives, as compared to combinations 

of soluble immobilized additives and untreated fibres. Moreover, neurite extension was shown to 

be much less on the random fibres for different combinations compared to the aligned one [143]. 

While synthetic materials show outstanding mechanical strength, often such material is resistant 

to biological degradation, causing nerve compression and inflammation. Synthetic fibres can be 

modified to create tunable degradation rates through copolymerization with other biomaterials as 

well as coaxial electrospinning (Fig. 2.3C).  

Synergistic effect of natural and synthetic nanofibre in NGCs has also been investigated. 

Composite materials used in electrospun fibres may have included proteins such as silk fibroin, 

collagen I, and collagen III added to the synthetic biomaterials. These composite electrospun 

polymers showed outstanding axon regeneration, so studies were conducted to determine the 

optimum ratio of various polymers. Studies found that using a high weight ratio of natural 

materials to synthetic materials in scaffolds resulted in more rapid degradation loss, which 

reduced the cell proliferation [144]. The results suggest that in composite biomaterials, there 

exist a critical limit of weight ratio between the synthetic and natural material. Studies have also 

looked at using conductive material for fabricating nanofibres. These studies showed improved 

cell growth and differentiation compared to nonconductive fibres. In addition, application of 

electrical potential to conductive scaffolds stimulated greater and longer neurite generation 

compared to unstimulated cells on the same nanofibers [145]. Both electrical stimulation and 

topographical guidance proved significant for nerve regeneration. 

 

2.5.2 Direct polymer melt deposition 

Small pore sizes and random spacing are some of the major problems with electrospinning, 

however, they can be addressed through hybrid fabrication processes. One such hybrid approach 

is to combine ES with direct polymer melt deposition (DPMD) in order to fabricate scaffolds 
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with controlled features, including improved pore size, appropriate cell adhesion, and structural 

similarity to the ECM [146]. DPMD is a form of extrusion-based fabrication that is capable of 

fabricating microfibres. One of the limitations of this technique is that, for instance, in case of 

using PCL, this biomaterial needs to be heated up to approximately 150°C in order to be used for 

DPMD. However, at this temperature, most proteins will be denatured. In spite of these 

drawbacks and limitations, research in nanoscale fibre spinning continues. 

 

Table 2.3 Synthetic and natural nanofibres for nerve regeneration 

Nano 

fibrous 

material 

Fabricatio

n method 

Animalm

odel 

Defect 

size/location  

Study 

Period 

Results Ref. 

PLGA/PCL  Rats 10 mm sciatic 

nerve gap  

4 months Functional reconnection, myelination, 

collagen IV deposition, and insignificant 

inflammatory response was detected 

[147] 

PLGA-silk 

fibroin 

 Rats 10 mm sciatic 

nerve defects 

6 weeks Regenerative results (morphological and 

functional) similar to autografts 

[148] 

Aligned 

PLGA+NG

F 

 Rats 13 mm sciatic 

nerve defect 

12 weeks Similar functional (electrophysiological 

and muscle weight) recovery was detected 

for autograft and PLGA/NGF implanted 

group 

[149] 

Aligned 

SF/P(LLA-

CL) + NGF 

Coaxial 

electrospi

nning 

Rats 15 mm sciatic 

nerve defect 

12 weeks Regenerative results (functional and 

histological) was significantly better than 

the aligned SF/P(LLA-CL) NGCs 

[150] 

Chitosan- 

PHBV 

Electrospi

nning 

Rats 10 mm sciatic 

nerve gap 

4 months Myelinated axons were found to bridge the 

gap 

[151]  

SC loaded  

PHBV 

Electrospi

nning 

Rats 30 mm sciatic 

nerve gap 

4 months Nerve regeneration and functional 

recovery (behavioral and nociceptive 

function) was detected 

[152] 

Aligned 

PCLEEP + 

GDNF 

Electrospi

nning 

Rats 15 mm sciatic 

nerve gap 

3 months Better nerve regeneration and functional 

recovery was detected than controls 

[153] 

Aligned/ 

random 

PAN-MA 

Electrospi

nning 

Rats 17mm tibial 

nerve gap 

16 weeks Regenerated axons reinnervated muscles, 

reformed neuromuscular junctions and 

promoted functional recovery 

[154] 

Bilayered 

chitosan + 

Peptide 

Electrospi

nning 

Rats 10 mm sciatic 

nerve gap 

10 weeks Regenerative result (functional and 

histological) was similar to isograft 

[155] 

PLGA Electrospi

nning 

Rats 10 mm sciatic 

nerve gap 

1 month Diameter and density of the regenerated 

nerve fibre was lower than controls 

[156] 

Blood 

vessel + 

SAPNS 

 Rats 10 mm sciatic 

nerve gap 

16 weeks Better regenerative result was detected 

than empty conduit, but inferior to normal 

control in terms of NCAP and GMW 

[157] 

Aligned 

Laminin+P

CL  

Electrospi

nning 

Rats 10 mm tibial 

nerve gap  

6 weeks Aligned PCL fibres facilitated motor 

function recovery, while aligned laminin + 

PCL fibre promoted sensory function 

recovery 

[158] 

Aligned 

PCL 

Electrospi

nning 

Rats 15 mm sciatic 

nerve gap 

3 months Higher number of myelinated axons, 

CMAP, and lower distal motor latency 

was detected compared to  microfibre 

implanted group 

[159] 
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MWNT + 

Collagen/P

CL 

Electrospi

nning 

Rats 8 mm sciatic 

nerve defect 

4 months Successful regeneration result (CMAP, 

GMW, and nerve density tests) with 

insignificant muscle atrophy and 

inflammation  

[160] 

Laminin + 

PLLA  

conduits, 

NGF+PLG

A lumen 

Electrospi

nning 

Rats 10 mm sciatic 

nerve gap 

3 months Better regeneration result  (muscle 

reinnervation and withdrawal reflex 

latency tests) than autograft; inferior 

regeneration results in term of axon 

density 

[23] 

PLGA+ 

aligned PA 

Gas 

foaming + 

self 

assembly 

Rats 12 mm sciatic 

nerve gap 

12 weeks Regenerative results (motor and sensory 

function recovery) are comparable to 

autograft group 

[161] 

Aligned 

collagen/P

LGA 

Electrospi

nning 

Rats 13 mm sciatic 

nerve defect 

 Regenerative result (histological and 

functional) was inferior to autografts 

[162] 

P(LLA-

CL)+NGF 

Core shell Rats 10 mm sciatic 

nerve gap 

12 weeks Regenerative result (functional and 

histological) was similar to autograft 

group 

[163] 

Grooved 

CAB fibres 

Electrospi

nning 

Rats 13 mm sciatic 

nerve defect 

12 weeks Effectively enhanced nerve regeneration as 

per histological and functional analyses  

[35] 

Aligned 

SF+P(LLA

-CL) 

Electrospi

nning 

Rats 10 mm sciatic 

nerve gap 

8 weeks Regenerative result (functional and 

morphological) was superior to P(LLA-

CL) group 

[164] 

SF/SWNT/

FN 

Electrospi

nning 

Rats 10 mm sciatic 

nerve gap 

5 weeks Regeneration result (NCV, and myelinated 

axon number) was inferior to normal 

nerve, but SC population was similar to 

normal nerve 

[165] 

 

2.6 Future research directions and conclusions 

In peripheral nerve regeneration, the key is to have Schwann cell-guided axonal growth cones so 

as to form the ‘bands of Büngner.’  Schwann cells attach, differentiate, proliferate, and align on 

substrates that have favorable topographic and physical cues. Over the past several decades, a 

number of strategies have been implemented to incorporate appropriate physical cues within the 

NGCs to bridge large peripheral nerve gaps. Often, conduits were used in vivo to guide growing 

axons, inhibit the infiltration of fibrous tissues, and prevent axonal off-target reinnervation. 

Nerve regeneration was investigated with porous, semi-porous and nonporous conduits. Of these 

three, semi-porous conduits were found more suitable as they facilitate mass transport, vascular 

network formation, Schwann cell migration and inhibit the fibroblast cell infiltration. Though 

promising, such conduits were found ineffective in regenerating nerve across a large nerve gap 

(>40 mm) [4].  

To tackle the shortcomings, researchers have incorporated various hydrogels and 

matrices within the hollow conduits to further add physical and biological cues for the 

regenerating neurons. Although this strategy brought some success, axonal dispersion and off-
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target reinnervation still remained unsolved. To address this issue, conduits having multiple 

lumens were investigated to reduce the axonal dispersion. Within these multilumen NCGs, 

various materials have also been incorporated in the conduit walls and as the filler material. 

While neurons were seen to advance their axons through microlumens, the swelling and 

degradation of the bioink is a major issue that needs to be overcome. Hydrogels with 

uncontrolled swelling properties were identified as inappropriate for incorporating in the lumen, 

as they cause nerve compression upon swelling in vivo. Degradation rates of the hydrogel both in 

vitro and in vivo are also factors to determine the suitability of the material, as rapid degradation 

is associated with loss of structure and failure of the scaffold, whereas degrading too slowly is 

associated with cell death and fibrosis. The hydrogels used as bioinks were also evaluated for 

their biological performance and potential for cytotoxicity.  

In some cases, unidirectional freeze-dried ECM material (Fig. 2.2C) was found to 

promote neurite growth in vivo, however, non-uniform pore size and poor mechanical stability 

limits their application [166]. Since functional nerve regeneration requires aligned architecture, 

strong magnetic fields have been used to align fibrils of ECM material (e.g. collagen, fibrin) to 

fabricate the NGC. However, poor mechanical strength of the aligned strands is a major 

drawback of these approaches. With the development of nanoscale fabrication technology, 

micro- and nanofibres were fabricated and inserted within NGCs to mimic the surface 

topography of ECM seen in an autograft. Filaments fabricated with rapid prototyping (e.g. 

extrusion, laser, etc.) technique showed great promises in axon regeneration.  

In particular, extrusion-based systems have made it possible to dispense a large cell 

population in a controlled and precise way. Therefore, with extrusion-based techniques, a large 

density of Schwann cell can be provided within the printed strands. The success of extrusion-

based approaches depends on the mechanical stability, biological performance, and cytotoxicity 

of the bioink/hydrogel precursor. Importantly, the type of crosslinking agent can provoke the 

cytotoxicity of the hydrogel material in in vivo culture. Extrusion-based methods have been 

further improved through the advent of coaxial dispensing systems to create micro-lumens within 

extruded strands.   

With the progress of optics, laser-guided approaches have been investigated for scaffold 

fabrication and precise cell positioning. While some attractive features, such as nozzle-less, high 

printing speed, and resolution have made this approach superior to other approaches, 
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shortcomings limits the application of laser-fabrication. For example laser energy, resin 

chemistry, and photo-initiators can induce cell damage. Moreover, preparing the material for 

laser-guided approaches is time consuming and difficult. 

Microfilaments do not contain nanoscale physical cues that cells typically respond to. 

This can include the binding sites on collagen, laminin, fibrin, and fibronectin do, and therefore 

requires the hydrogel precursor to be modified by adding peptides. Coaxial nozzles are used to 

incorporate NGF within the nanofibre to achieve synergistic effect of physical and biochemical 

cues. To eliminate the complexity of biochemical cue incorporation and increasing the filaments 

packing density, nanofibres were evaluated and showed favourable results in guiding axons 

between the proximal and distal ends of damaged peripheral nerves. In addition, efforts were 

made to enhance the physical and topographical cues on nanofibres by incorporating grooves. 

The grooved nanofibres were found more effective in promoting axonal outgrowth compared to 

smooth nanofibres. Rolled up nanopatterns (e.g. nanocolumn, grates, beads, roughness, graded 

density, tubes, etc.) were found effective in reducing axonal dispersion and enhancing neurite 

length. Although the use of nanofibres in a NGC seems to solve various drawbacks experienced 

in other approaches, there are still problems. Overlapping, misguidance, and dispersion of the 

growing axons were identified in nanofibre-loaded NGCs. Furthermore, the biodegradability of 

synthetic nanofibres in vivo is a major concern that requires more improvements.  

To address these problems, methods of developing scaffolds to form bands of Büngner 

have been recently explored. Cell aggregates have been used to fabricate biopolymer-free 

scaffolds. In this regard, cell pellets, tissue spheroids, and tissue filaments of Schwann cells that 

can be bioplotted as a strand are methods that are being evaluated. However, this approach 

requires a huge number of cells for in vivo applications. Therefore, stem cells are being explored 

to eliminate the slow proliferation rate of primary cells. Stem cell-enriched bioinks could be used 

to form self-assembled microfilaments similar to that of natural autografts. However, the time 

delay of self-assembly and risk associated with stem cells incorporation requires more 

investigations.  

Truly, nerve regeneration in vivo is a complicated process whereby axons grow by the 

combined effect of topographic, electric, chemotactic and haptotactic cues that guide the 

directional growth of the axons [167]. More investigations are needed to study the degradation, 

cytotoxicity, immunogenicity, and long term effect of such NGCs in vivo. 
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CHAPTER 3 

Modeling the Flow Behavior and Flow Rate of Medium Viscosity Alginate for 

Scaffold Fabrication with a Three-Dimensional Bioplotter 

This chapter has been published as “Sarker MD, and Chen XB. Modeling the flow behavior 

and flow rate of medium viscosity alginate for scaffold fabrication with a three-dimensional 

bioplotter. J Manuf Sci Eng 2017; 139: 081002. ” According to the Copyright Agreement, "the 

authors retain the right to include the journal article, in full or in part, in a thesis or 

dissertation".  

(All the experimental and modeling work was conducted by me. Professor Xiongbiao Chen guided and supervised 

the whole work.) 

 

3.1 Abstract 

Tissue regeneration with scaffolds has proven promising for the repair of damaged tissues or 

organs. Dispensing-based printing techniques for scaffold fabrication have drawn considerable 

attention due to their ability to create complex structures layer-by-layer. When employing such 

printing techniques, the flow rate of the biomaterial dispensed from the needle tip is critical for 

creating the intended scaffold structure. The flow rate can be affected by a number of variables 

including the material flow behavior, temperature, needle geometry, and dispensing pressure. As 

such, model equations can play a vital role in the prediction and control of the flow rate of the 

material dispensed, thus facilitating optimal scaffold fabrication. This paper presents the 

development of a model to represent the flow rate of medium viscosity alginate dispensed for the 

purpose of scaffold fabrication, by taking into account the shear and slip flow from a tapered 

needle. Because the fluid flow behavior affects the flow rate, model equations were also 

developed from regression of experimental data to represent the flow behavior of alginate. The 

predictions from both the flow behavior equation and flow rate model show close agreement 

with experimental results. For varying needle diameters and temperatures, the slip effect 

occurring at the needle wall has a significant effect on the flow rate of alginate during scaffold 

fabrication. 
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3.2 Introduction 

Scaffold-based tissue engineering shows promise for meeting the growing worldwide demand 

for organ replacement or tissue regeneration. Scaffold geometry (e.g., porosity, pore 

interconnectivity, and surface topography) and the biomaterial fabricated can significantly affect 

the survival, growth, proliferation, and differentiation of embedded cells during scaffold-based 

tissue culture [1–3]. Three-dimensional (3D) bioplotters based on the compressed-air-driven 

rapid prototyping approach have been drawing considerable attention for scaffold fabrication due 

to their ability to create complex structures layer-by-layer through the extrusion of continuous 

filaments that may incorporate cells, growth factors, peptides, and/or extracellular matrix 

proteins [4–6]. Furthermore, microfluidic mass transfer and precise cell positioning can also be 

achieved within the scaffold by 3D bioplotting [7, 8]. 

Hydrogels are promising biomaterials for bioplotting due to their high water content and 

tissuelike properties, thus providing a 3D environment for cell attachment, proliferation, and 

differentiation to form the desired tissue [9]. The viscosity of polymeric hydrogels has been 

suggested to affect cell distribution and viability as well as printability by means of a liquid 

dispensing printer; for example, low-viscosity hydrogels tend to form droplets rather than strands 

upon deposition, which causes inhomogeneous cell distribution, whereas high-viscosity materials 

can clog the dispensing needle and damage cells due to the high shear stress encountered during 

scaffold fabrication [10, 11]. Conversely, medium viscosity alginate (400–3000 cP) offers high 

printability and cell viability (>90%) [12] and is a suitable and preferred biofabrication material. 

Rigorous selection of fabrication speed, dispensing pressure, and scaffold strand width is 

important to scaffold biofabrication as these parameters regulate the viability of incorporated 

cells as well as the mechanical properties of the scaffold [13]. Moreover, strand width affects the 

pore size and porosity of the scaffold, thus affecting its mechanical properties as well as the 

proliferation and attachment of incorporated cells [14, 15]. Rigorous selection of scaffold 

printing parameters can be achieved by developing effective model equations. Without such 

equations, achieving the desired strand width by choosing the needle speed and dispensing 

pressure based on experience can be challenging. In addition, many trials may be required to 

determine the appropriate fabrication parameters, which are time consuming and cost ineffective. 
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Moreover, time delays due to numerous trials can quite significantly decrease cell viability in the 

loaded cell/polymer mixture in the extrusion cylinder of a 3D bioplotter. 

Characterization and modeling of fluid behavior are necessary to develop a model for the 

flow rate of the fluid dispensed in scaffold fabrication. Several studies have modeled the flow 

behavior of time-dependent and -independent fluids. For example, rheological kinetic and 

empirical models have been used to study the thixotropic behavior (i.e. shear stress decreases 

with time at constant shear rate) of a time-dependent fluid [16]. While useful for representing the 

thixotropic behavior, lack of applicability in the steady-state of viscosity limits the utility of the 

empirical model. Moreover, phenomenological models have been used to predict the rheological 

behavior of inelastic reversible thixotropic and antithixotropic fluids [17]; Herschel–Bulkley and 

exponential models have been applied to predict the thixotropic behavior of a time-dependent 

fluid [18]; and structural models have been developed to describe the rheological properties of a 

time-dependent complex material [17–19]. However, these models are incompatible with time-

independent materials and require shear history to predict flow behavior. The flow behavior of 

time-independent materials has also been investigated with models; for example, close 

agreement between rheological data obtained from a viscometer and the Herschel–Bulkley 

model has been demonstrated, and a flow behavior model developed from rheometer data 

provided better agreement with measured data than a flow behavior model developed from 

dispensing experiments [20, 21]. Because models identified from rheometer data are cost and 

time effective, a flow behavior model for alginate/hydroxyapatite mixtures has been developed 

to predict flow behavior at different concentrations and temperatures [22]. This work efficiently 

predicts flow behavior parameters for the alginate mixture but could not predict the flow 

behavior of medium viscosity alginate. Hence, a flow behavior model that can predict flow 

parameters (consistency index, flow index, and yield stress) and thus help to predict the flow rate 

of alginate at various concentrations and dispensing temperatures needs to be developed. 

The flow rate of a non-Newtonian fluid (epoxy resin) from a pneumatic pressure-driven 

dispensing head with a cylindrical needle has been modeled with empirical equations and a fuzzy 

regression approach [23]. Though promising, the numerous time-consuming experiments 

required to develop the empirical model equations limit the application of the fuzzy approach. 

Several analytical models have been developed to model flow rate by ignoring the influence of 
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air compressibility; this includes models developed to predict the flow rate of time-dependent 

fluids [24]. Further, models have been developed to predict the flow rate of incompressible and 

time-independent fluids based on the assumption of steady laminar flow [25, 26]. The dynamic 

flow rate of time-independent fluids has been explored under the influence of air compressibility 

[27, 28]. However, none of these models can predict the flow rate of nonpower-law fluids as the 

models were derived from the power-law equation. 

Furthermore, semi-analytical expressions have been developed for particle-laden fluids 

flowing through channels to predict the pressure gradient, velocity profile, and flow rate [29]. 

Similarly, fluid flow through capillaries has been studied considering the wall slip effect [30–

32], where the model equations suggest the profound influence of the fabrication material and 

shear stress on the wall slip effect. Likewise, several models have been developed for capillary 

flow in biofabrication systems, including a shear rate model for colloidal ink assuming a nonslip 

boundary layer condition, a flow rate model for a time-independent material assuming steady-

state and nonslip conditions, and a capillary flow model for a chitosan hydroxyapatite colloid 

mixture dispensed from a tapered needle [33–35]. However, these models are limited to power-

law fluids and nonslip conditions. In reality, wall slip occurs more in non-Newtonian versus 

Newtonian fluids [36, 37], and thus consideration of wall slip must be taken into account when 

developing a flow rate model for non-Newtonian fluids (e.g., alginate). 

In this work, a flow behavior model was developed based on rheological data collected at 

varying temperatures (25–55 °C) and alginate concentrations (1–4%). The hypothesis was that 

the mathematical model would predict the flow behavior of MVSA precursor at various 

precursor concentrations and temperatures. The effectiveness of the model was verified with 

experimental data obtained for 2.5% alginate. A flow rate model was also developed for medium 

viscosity alginate considering shear and slip flow from a tapered needle. The flow rate model 

was verified with experimental results by dispensing alginate (2%, 3%, and 4%) from a tapered 

needle (exit diameter 200 μm) at a temperature of 25 °C. The model-predicted strand width was 

compared to printed alginate (3% and 4%) strand widths. The effects of various needle diameters 

(0.2, 0.25, 0.41, and 0.61 mm) and temperatures (25, 35, 45, and 55 °C) on flow rate were 

considered, and the model equation outputs were compared to measured results. 
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3.3 Materials and method 

3.3.1 Preparation of material 

Medium viscosity alginate (sodium salt from brown algae) and calcium chloride (CaCl2·2H2O) 

were purchased from Sigma Aldrich, Oakville, ON, Canada. Polyethyleneimine (PEI) (MW 

60,000, 50% w/w in H2O) was purchased from Alfa Aesar, Tewksbury, MA. Alginate solutions 

(1%, 2%, 3%, and 4% w/v) were prepared using water as the solvent for consequent 

examinations to analyze the rheological properties and flow rates of materials dispensed on a 3D 

bioplotter. 

3.3.2 Rheological apparatus and experimental procedures 

The flow behavior of the alginate solutions was characterized using a Brookfield DV-III ultra-

rheometer (Brookfield Engineering Labs Inc., Middleborough, MA) with a CP-41 spindle. The 

spindle had a conical vertex (with a 3 deg obtuse angle) perpendicular to the flat plate of the 

sample loading cup (Fig. 3.1). During the experiment, the CP-41 was rotated at a constant speed 

(ω), while 2 mL of alginate solution were loaded into the gap between the spindle and the cup 

plate. A tiny gap (0.013 mm) between the cone tip and the stationary flat plate was always 

maintained.  

 

Fig. 3.1 (a) Brookfield DV-III ultra-rheometer and (b) its spindle and loading cup 

The rheometer measured the torque required to overcome the viscous resistance of the alginate 

solution. Shear rate, stress, and viscosity data were obtained for the four different alginate 
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solutions at a constant temperature and different rotational speeds. The rheometer was run with 

Rheocalc® programmable software, with the following mathematical relationships used to 

calculate the flow parameters: 

τ = 
𝑇

2/3 𝜋𝑅𝑐
3      (3.1) 

γ = 
𝜔

𝑆𝑖𝑛𝜑
      (3.2) 

µ= 
𝜏

ϒ
 x 100      (3.3) 

where T is the percentage of full scale torque (N·m), Rc is the cone radius (m), ω is the cone 

speed (rad/s), φ is the cone angle (radian), τ is the shear stress (N/m2), γ is the shear rate (s−1), 

and μ is the viscosity (Pa·s). Data were collected for alginate concentrations of 1–4%, and the 

temperature of the solution was maintained between 25 and 55 °C using a water bath. 

Experimental data were fit into five different models (Casson, Bingham plastic, IPC paste, power 

law, and Herschel–Bulkley) available in the rheometer operating program. The Herschel–

Bulkley model provided the best fit (99.5–100% confidence of fit) with the experimental data 

and was subsequently used to identify values of the flow index (n), yield stress (τ0), and 

consistency index (K). 

3.3.3 Flow rate measured on the three-dimensional bioplotter 

Alginate was dispensed by using tapered needles with varying exit diameters (i.e., 0.2, 0.25, 

0.41, and 0.61 mm) mounted in the dispensing head of a 3D bioplotter (Envisiontec GmbH, 

Germany) (Fig. 3.2). The bioplotter head is driven by pneumatic pressure and can move in 

the X, Y, and Z directions, as described elsewhere [38]. To measure the flow rates, 20 mL of 

alginate solution (2%, 3%, or 4%) were loaded into the head and dispensed over a certain time 

period at various temperatures (25, 35, 45, and 55 °C) and dispensing pressures (20, 25, 30, and 

40 kPa). The alginate dispensed was collected and weighed on a scale, then the flow rates 

determined by dividing the total amount of alginate dispensed by the dispensing time. For each 

measurement, at least three samples were collected to obtain the average flow rate. 
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Fig. 3.2 Dispensing-based rapid prototyping machine for 3D scaffold fabrication: (a) 3D 

bioplotter, (b) bioplotter dispensing head, (c) tapered needle for dispensing head, (d) tapered 

needle with scale for length, (e) entrance diameter, and (f) 2% (w/v) alginate solution 

3.3.4 Single-layer scaffold fabricated on the three-dimensional bioplotter 

To measure the strand width, a single-layer scaffold pattern was printed on the 3D bioplotter. 

Prior to printing, CAD software was used to develop 3D virtual models of the desired scaffolds. 

Medium viscosity alginate solution (3% or 4% w/v) was loaded into the bioplotter head and 

dispensed through a tapered needle (EFD Nordson, Westlake, OH) with an extrusion diameter of 

200 μm (Fig. 3.3). A linear needle speed of 6–14 mm/s was maintained in the X and Y directions 

during 3D fabrication, and a dispensing pressure of 0.2–0.5 bar was applied to extrude alginate 

into 12-well tissue culture plates containing crosslinking solution (50 mM CaCl2). For each 

needle speed and dispensing pressure, at least three single-layer cuboid patterns (10 × 10 × 0.2 

mm3) were printed, and then the average strand width was determined. To eliminate the thermal 

effect on alginate viscosity, a temperature of 25 °C was maintained in the dispensing head. A 

right angle between the filaments of consecutive layers was maintained, and a 1 mm interstrand 

distance was assigned to each continuous layer. 
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Fig. 3.3 (a) Schematic of 3D scaffold fabrication by bioplotter, (b) multiple layered alginate 

scaffold (scale bar = 0.2 mm), (c) printed alginate scaffold suspended in CaCl2 crosslinking 

solution, and (d) side view and (e) top view of the printed alginate scaffold 

The alginate strands were plotted into 12-well tissue culture plates containing 1 mL crosslinking 

solution (50 mM CaCl2). Anionic alginate strands do not adhere to the negatively charged tissue 

culture dish and therefore float after fabrication; this does not allow for the printing of successive 

layers. However, coating with polycationic PEI can improve surface adhesion and crosslinking 

of the alginate [39, 40]. Therefore, the 12-well tissue culture plates were coated with 0.1% sterile 

PEI and incubated overnight at 37 °C to enhance adhesion. Excessive PEI was eliminated from 

the culture plate by successive washes with sterile water and 10 mM phosphate buffered saline 

(PBS) prior to scaffold fabrication. 

 

3.3.5 Statistical analysis 

For all experimental data, the number of replicates was three (n = 3), and a one-way analysis of 

variance (ANOVA) was used to assess statistical significance (pb-value < 0.05). To evaluate the 
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prediction accuracy of the flow behavior and flow rate model equations with respect to 

experimental data, regression parameters such as coefficient of determination (R2), residuals, root 

mean square error (RMSE), and mean absolute percentage error (MAPE) were assessed as per 

the following equations [20,41]: 

 

R2 = 
{∑ (𝐸𝑡−𝐸̅)(𝐹𝑡−𝐹)}𝑛

𝑡=1
2

∑ (𝐸𝑡−𝐸̅)2𝑛
𝑡=1 ∑ (𝐸𝑡−𝐸̅)2n

t=1
     (3.4) 

Residual = 
(𝐸−𝐹)

𝐸
      (3.5) 

RMSE = √
∑ (𝐸𝑡−𝐹𝑡)2𝑛

𝑡=1

𝑛
     (3.6) 

MAPE = 
∑ |

𝐸𝑡−𝐹𝑡
𝐸𝑡

|𝑛
𝑡=1

𝑛
×100     (3.7) 

where, E, 𝐸̅, F, and 𝐹̅ indicate experimental data, average experimental data, predicted data, and 

average predicted data, respectively. 

3.4 Development of model equations 

3.4.1 Model development for alginate flow behavior 

The Herschel–Bulkley model is quite effective at characterizing the nonlinear relationship 

between shear rate and shear stress of non-Newtonian fluids having yield stress. Due to its 

molecular architecture and high molar mass, alginate solution exhibits non-Newtonian fluid 

behavior [42]. Therefore, the Herschel–Bulkley model can be used to model its flow behavior: 

 

τ = τo + Kγn        (3.8) 

 

where τ is the shear stress, τ0 is the yield stress, γ is the shear rate, K is a consistency index, 

and n is a flow behavior index. Yield stress indicates the required amount of shear stress to start 

fluid flow. The flow index parameter n represents the degree of non-Newtonian flow behavior of 

the alginate solution. The value of n determines the pattern of velocity profile and the value of 

the velocity gradient for a non-Newtonian fluid. It varies for different types of non-Newtonian 
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fluids, which results in a nonlinear relationship between shear stress and velocity gradient. 

Interestingly, when n equals 1, the consistency index and fluid viscosity are identical. 

Experimental materials can show evidence of shear-thinning (n < 1) or shear-thickening behavior 

(n > 1) based on the value of n. The term K, known as apparent viscosity, is a function of 

temperature, pressure, and shear rate [43] and demonstrates the apparent viscosity of a non-

Newtonian fluid with shear stress at a shear rate of 1 s−1. With increasing shear rate, K decreases 

for shear-thinning behavior but increases for shear-thickening behavior. The flow behavior 

parameters (K, τ0, and n) of non-Newtonian fluids are a function of temperature and the 

concentration of solutes in solution. The effect of temperature and solute concentration on K, 

τ0, and n can be expressed by the following model equations (adapted from Ref. [22]): 

K = a 𝑒(
𝑇0
𝑇

 − 
𝐶0
𝐶

) 
– b (

𝑇

𝑇0

𝐶

𝐶0
) + d (

𝑇0

𝑇
)     (3.9) 

τ0 = f𝑒
( 

𝑇1
𝑇

 − 
𝐶

𝐶1
) 
+ g (

𝑇1

𝑇

𝐶

𝐶1
)𝑇 𝑇1⁄ + h (

𝑇1

𝑇
)     (3.10) 

n = ie(− 
𝑇2
𝑇

 − 
𝐶2
𝐶

) 
+ j ( 

𝐶2

𝐶
) (

𝑇2

𝑇
) + m (

𝑇

𝑇2
)     (3.11) 

where T0, T1, T2, C0, C1, C2, a, b, d, f, g, h, i, j, and m are constants that can be found by nonlinear 

regression of experimental rheological data. Fig. 3.4 is a schematic of the rheological 

experiment. Since the right-hand term of Eq. (9) is dimensionless, the constants (a, b, and d) are 

associated with the apparent viscosity of the material (alginate). Similarly, the constants (f, 

g, and h) of Eq. (10) are related to the yield stress, and the constants (i, j, and m) of Eq. (11) are 

related to the flow behavior index of alginate. 

https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd9
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd10
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd11
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Fig. 3.4 (a) Schematic of spindle cone and loading cup of Brookfield DV-III ultra-rheometer; 

velocity profiles of alginate in the needle for boundary conditions (b) without slip and (c) and (d) 

with slip 

3.4.2 Model development for the flow rate of alginate 

In an air-pressure-driven dispensing system, some assumptions are made to model the flow rate: 

the alginate solution is incompressible; the flow of alginate in the needle is steady and fully 

developed; the slip between alginate and the needle wall is significant (Figs. 3.4(b)–3.4(d)); the 

pressure drop in the bioplotter head is insignificant; and minor losses due to entrance effects and 

fittings are negligible. The pressure drop and the tangent of θ can be, respectively, expressed as 

 

∆P = P - Pe      (3.12) 

tanθ = 
𝑟𝑖−𝑟𝑜

𝐿
      (3.13) 

where P is the pressure applied to the syringe/bioplotter head, Pe is the exit pressure at the needle 

end, riand ro are the entrance and exit radius of the tapered needle, respectively, θ is the half cone 

angle, and Lis the length of the tapered needle (Fig. 3.5).  
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Fig. 3.5 Schematic of a tapered needle for a bioplotter head 

Taking into account the reduction of viscosity near the needle wall due to fluid–wall interactions, 

the total flow rate equation for an alginate solution from a tapered needle [44] can be written as 

Qt = Qshear + Qslip     (3.14) 

where Qtotal is the total flow rate, Qshear is the shear flow rate, and Qslip is the slip flow rate. For a 

small needle element of length δl, force balance equations for the applied pressure and shear 

stress can be written as [45] 

δP πr2 = 2πr(δlsecθ)(τcosθ)     (3.15) 

γ = 
4𝑄

𝜋𝑟3       (3.16) 

δl = 
𝛿𝑟

𝑡𝑎𝑛𝜃
      (3.17) 

With the help of Eqs. (3.12), (3.13), and (3.15) – (3.17), the shear flow or flow without slip for a 

tapered needle can be expressed as [34] 

Qshear =
𝜋𝑟𝑖

3𝑟𝑜
3

4
 [

3𝑛 𝑡𝑎𝑛𝜃 (∆𝑃+ 
2𝜏0

𝑡𝑎𝑛𝜃
 𝑙𝑛 

𝑟𝑖
𝑟𝑜

) 

2𝐾 (𝑟𝑖
3𝑛−𝑟𝑜

3𝑛) 
] 1/n   (3.18) 

The slip flow rate can be calculated from the product of the slip velocity and cross-sectional area 

at the needle exit, as follows: 

Qslip = Vs (πro
2)     (3.19) 
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where Vs is the slip velocity, and for a slip layer thickness δt, the slip velocity equation is [30] 

Vs = 
𝛿𝑡𝜏𝑤

1/𝑛

𝐾1/𝑛       (3.20) 

where τw is the wall shear stress, and K is the apparent viscosity of alginate at the needle wall. 

The thickness of the slip layer (9 μm) was taken as 15% of the mean particle size of the alginate 

powder (60 μm) [31]. The shear stress at the needle wall can be obtained by integrating 

Eq. (3.15) 

τw = τ0 + 
3𝑛∆𝑃 𝑡𝑎𝑛𝜃

2{1−(
𝑟𝑜
𝑟𝑖

)3𝑛}
      (3.21) 

The slip flow rate can be obtained by combining Eqs. (3.19) – (3.21) and can be written as 

Qslip = 
𝜋𝛿𝑡𝑟0

2

𝐾1/𝑛 [τ0 + 
3𝑛∆𝑃 𝑡𝑎𝑛𝜃

2{1−(𝑟𝑜
𝑟𝑖

)3𝑛}
] 1/n    (3.22) 

The total flow rate of the alginate solution from the tapered needle can be calculated by 

combining Eqs. (3.14), (3.18), and (3.22), and for strand width Ds, the needle moving 

speed Vn can be obtained as follows: 

Vn =  
4𝑄𝑡

𝜋𝐷𝑠
2      (3.23) 

3.5 Results and model equation verification 

The nonlinear flow behavior of 1–4% medium viscosity alginate for temperatures ranging from 

25 to 55 °C is presented as shear stress versus rate curves (Fig. 3.6). The slope of the flow 

behavior curves gradually decreases with increased shear rate for a given operating temperature. 

In addition, shear stress decreases as temperature increases for the same shear rate, which 

suggests a reduction in viscosity with increasing temperature. Extrapolation of the shear stress 

versus rate curve intersects the Y axis at a coordinate known as the yield stress. Further, the stress 

versus rate curve of medium viscosity alginate strongly indicates shear-thinning (yield 

pseudoplastic) behavior upon applied stress. 

 

 

https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd15
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd19
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd21
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd14
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd18
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd22
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Fig. 3.6 Flow behavior curve for medium viscosity alginate: (a) 1%, (b) 2%, (c) 3%, and (d) 4% 

To obtain flow behavior parameters (K, τ0, and n), shear stress versus shear rate data were 

regressed against Herschel–Bulkley model equations. An increase in yield stress was noted as the 

alginate concentration increased from 1% to 4% (Fig. 3.7). Moreover, for a given alginate 

concentration, the yield stress decreased with increasing temperature, which indicates rising 

temperature reduces the initial flow resistance of alginate. The same phenomenon was also 

observed for the consistency index. However, a remarkable increase in the consistency index was 

noted for alginate concentrations >2%. Therefore, 2% (w/v) could be a critical concentration for 

medium viscosity alginate beyond which the significant entanglement of long molecular alginate 

chains causes radical changes in the viscosity. However, increasing temperature reduces the yield 

stress and consistency index due to the increased kinetic energy of the alginate molecules. 

Therefore, alginate demonstrates higher yield stress and consistency index values at lower 

temperatures and lower values at higher temperatures. For post fabrication cell incorporation, the 

temperature-dependent behavior of alginate facilitates 3D bioplotting while restoring mechanical 

strength after fabrication. In fact, dispensing materials at a higher temperature (>37 °C) ensures a 

superior flow rate, and addition of cells at 37 °C facilitates better cell viability. On the other 

hand, fabrication temperatures ≤37 °C are needed to codispense cells and alginate and 
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satisfactorily preserve cell viability. Furthermore, the degree of nonlinearity of the shear stress 

versus rate curve is regulated by the value of n, which increases with temperature and alginate 

concentration. 

 

 

Fig. 3.7 Flow behavior parameters of medium viscosity alginate (1–4%) at various temperatures 

(25–55°C): (a) consistency index, (b) yield stress, and (c) flow index 

 

3.5.1 Verification of flow behavior model 

Varying the temperature and concentration affects the flow behavior of alginate. To predict the 

flow behavior at different temperatures and concentrations, the experimental shear stress versus 

shear rate data for alginate at different temperatures (25, 35, 45, and 55 °C) and concentrations 

(1%, 2%, 3%, and 4%) were used for regression, based on Eqs. (3.9)–(3.11). 

Constant parameters for the three model equations (Table 3.1) were obtained by 

regressing the experimental data. For all regressions, the R2 value obtained was between 99.2% 

and 99.75%. The model equations for consistency index, yield stress, and flow index (Eqs. (3.9)–

(3.11)) can then be solved by substituting the constant values found in Table 3.1. The model 

equations were subsequently validated against rheological data measured at an alginate 

concentration of 2.5%.  

https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd9
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd11
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd9
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd11
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Table 3.1 Flow behavior parameters obtained from the regression of experimental data 

 
 

 

 

 

 

 

Table 3.2 Measured and model-predicted flow behavior parameters at various temperatures

 
Data obtained from the model equations display good agreement with experimental data, 

thus validating the model equations (Table 3.2). In particular, the MAPE (11.51%, 6.75%, and 

1.85%) and R2 (0.98, 0.97, and 0.98) values are quite remarkable (Figs. 3.8(d)–3.8(f)). As the 

temperature increases, the consistency index (Fig. 3.8(a)) and the yield stress (Fig. 3.8(b)) 

demonstrate decreasing trends, while the flow index (Fig. 3.8(c)) demonstrates an increasing 

Equation (3.9) Equation (3.10) Equation (3.11) 

Constants     Value          Unit Constants       Value          Unit Constants     Value          Unit 

a 284.09 Pa.sn f -2.40 Pa i 0.48  
T0 30.11 °C T1 56.48 °C T2 5.18 °C 
C0 9.51 %(w/v) C1 45.02 %(w/v) C2 0.66 %(w/v) 
b 21.89 Pa.sn g 73.13 Pa j 0.28  
d 9.82 Pa.sn h 13.05 Pa m 0.03  

 

Measured Model

Parameters Alginate Temp. average with slip Residual R
2

MAPE RMSE

% (w/v) (°C) (Pa.sn) (Pa.sn) (Pa.sn) (%) (Pa.sn)

25 29.86 28.16 0.06

2.5 35 18.50 16.72 0.10

45 12.53 10.33 0.18

55 5.13 5.81 -0.13

25 33.82 36.89 -0.09

35 25.93 26.05 0.00

45 20.03 17.16 0.14

55 11.93 11.55 0.03

25 0.46 0.44 0.03

35 0.51 0.51 0.01

45 0.56 0.57 -0.01

55 0.64 0.62 0.03

1.85 0.01

Yield stress

11.51 1.69

2.5 6.75 2.11

Consistency 

index

Flow index

0.97

0.98

0.982.5
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trend. The minute deviations between the experimental data and the model predictions are 

attributed to evaporative loss of water. Though the rheological apparatus is leak proof, vapor 

leaves the alginate solution and accumulates in the hollow space between the spindle cone and 

upper portion of the cup holder. This results in the concentration of the alginate solution 

increasing a bit with temperature. By ignoring these very minor variations, the model equations 

developed can be used to predict K, τ0, and n values of alginate for different concentrations and 

operating temperatures. 

 

Fig. 3.8 Experimental versus model-predicted flow behavior of 2.5% (w/v) alginate at different 

temperatures (25, 35, 45, and 55 °C): (a) consistency index, (b) yield stress, and (c) flow index; 

comparison plots (with diagonal line of equality) of measured and predicted data for (d) 



71 
 

consistency index, (e) yield stress, and (f) flow index; experimental data are statistically 

significant (n = 3, pb < 0.05) 

In tissue engineering, biomaterial selection is quite a challenging issue for successful 

scaffold outcomes after in vitro or in vivo culture. Because the viscosity of a material is one of 

the most important criteria for material selection, the model equations developed here will 

provide significant direction for biomaterial screening based on viscosity. In addition, as high 

viscosity causes high shear stress and metabolic complexity to incorporated cells, prefabrication 

and postfabrication cell damage can be reduced by taking the flow behavior information into 

consideration. Furthermore, as the flow behavior parameter regulates the flow rate of alginate, 

determination of K, τ0, and n by model equations would reduce the time and trials required to 

predict the flow rate for scaffold fabrication. 

 

3.5.2 Verification of the flow rate model with needle flow 

To verify the efficiency of the flow rate model developed, experimental data were compared 

with those obtained from model Eqs. (3.14), (3.18), and (3.22). Flow rate was measured 

experimentally for pneumatic pressures of 20, 25, 30, and 40 kPa, as per the methodology 

discussed above, and was also calculated taking into account the slip and nonslip model 

equations; the results are presented graphically in Figs. 3.9(a)–3.9(c). Model prediction curves 

didn't follow a smooth pattern in the plots probably due to the use of a small number of data 

points. The model with slip shows good agreement (MAPE = 13.38%, R2 = 0.98) with 

experimental results (Fig. 3.9(e)); however, the model without slip exhibits significant deviations 

(MAPE = 42.13%, R2 = 0.96) from the measured data (Fig. 3.9(d)). An unbiased predictability of 

the flow rate model (with slip) is identified, because a random distribution of the residuals is 

observed (Fig. 3.9(f)). Therefore, slip clearly occurs when alginate is dispensed from the tapered 

needle, and consideration of the slip effect to model the flow rate equation is an appropriate 

assumption. Medium viscosity alginate displays shear-thinning (yield pseudoplastic) behavior 

with increasing shear stress. As shear stress increases with applied pneumatic pressure, the 

apparent viscosity of the alginate decreases at the needle wall compared to the bulk, resulting in 

slip flow (Table 3.3). 

 

 

https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd14
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd18
https://manufacturingscience.asmedigitalcollection.asme.org/article.aspx?articleid=2612563#fd22


72 
 

 

Table 3.3 Measured and model-predicted flow rate of alginate at different concentrations 

 

 

Dispensing measured no with Residual 

Alginate pressure average slip  slip with slip no slip with slip no with no slip with slip

% (w/v)  (kpa) (mg/s) (mg/s) (mg/s) (mg/s) (mg/s) (mg/s) slip slip (mg/s) (mg/s)

20 9.06 4.15 7.72 0.15

25 15.20 9.85 15.00 0.01

30 25.71 13.03 21.69 0.16

40 39.72 29.03 44.05 -0.11

20 0.81 0.33 0.64 0.21

25 0.99 0.71 1.30 -0.32

30 1.84 1.06 1.82 0.01

40 4.20 2.31 3.70 0.12

20 0.14 0.06 0.10 0.32

25 0.18 0.11 0.20 -0.06

30 0.25 0.15 0.26 -0.05

40 0.46 0.33 0.50 -0.10

Alginate flow rate

R 2 MAPE (%)

0.96 0.98 42.13 13.38

RMSE

5.26 1.76

2

3

4
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Fig. 3.9 Experimental versus model-predicted mass flow rate through a tapered needle (0.2mm 

exit diameter) at 25 °C and various dispensing pressures (20, 25, 30, and 40 kPa) for (a) 2%, (b) 

3%, and (c) 4% (w/v) alginate; comparison plot (with diagonal line of equality) of measured and 

predicted mass flow rate data for models (d) without slip and (e) with slip; and (f) distribution of 

residual prediction errors of mass flow rate data for model with slip (f); experimental data are 

statistically significant (n = 3, pb < 0.05) 

 

3.5.3 Verification of flow rate model with printed strand 

The printed strand width depends on the flow rate of the fabrication material and the needle 

speed, and therefore the validity of the model equations developed can be determined by 

measuring the width of printed filaments. Strand width was measured for a single-layered 
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scaffold fabricated as described above. Images of the strands were taken using a fluorescent 

microscope (Carl Zeiss Axiovert 100) and IMAGEJ (National Institutes of Health, Bethesda, 

MD) software used to measure the width of the strands. Good agreement was noted between 

experimental results and model predictions based on Eq. (23) (Table 3.4). The predicted strand 

width obtained with the model equations deviates less from the printed strand for highly viscous 

(4% w/v) alginate (MAPE = 4.41%, R2 = 0.97) than for low-viscosity (3% w/v) alginate 

(MAPE = 5.33%, R2 = 0.98) (Figs. 3.10 (b) and 3.10 (e)). Further, a random distribution pattern 

of the residuals suggests an unbiased predictability of the model equation (Figs. 3.10 (c) and 3.10 

(f)). For the same concentration of alginate and dispensing pressure, strand width decreases with 

increased needle speed. In contrast, strand width increases with increased dispensing pressure for 

the same alginate concentration and needle speed (Figs. 3.10 (a) and 3.10 (d)). As the apparent 

viscosity increases with material concentration for a shear-thinning (yield pseudoplastic) 

material, strand width decreases with increasing alginate concentration for the same dispensing 

temperature, pressure, and needle speed. This information is very useful for scaffold fabrication, 

as optimization of dispensing pressure and needle speed is required to achieve the desired strand 

width with minimal cell damage. Printing strands at high dispensing pressures causes cell 

damage due to high shear stress [34]. On the other hand, interrupted material flow can occur 

during biofabrication at low dispensing pressures due to viscous clogging at the needle opening. 

Increasing the needle speed reduces the fabrication time, and thus affects the incorporated cell 

viability by shortening the exposure time to the harsh crosslinking solution. The strand width 

affects the porosity of the scaffold and therefore regulates the mechanical strength [46]. In 

addition, efficient mass transport and gaseous diffusion, which largely depend on the strand 

width [47], are required for better metabolic activity of the incorporated cells. 
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Table 3.4 Measured and model-predicted strand width of alginate at different concentrations 

 

 

 

 

Needle Needle Dispense measured model

Alginate Temp. diameter speed pressure average with slip Residual R 2 RMSE MAPE

%(w/v) (◦C) (mm) (mm/s) (kpa) (µm) (µm) (μm) (μm) (%)

8 20 284.35 315.88 -0.11

10 20 261.54 282.54 -0.08

12 20 252.79 257.92 -0.02

14 20 229.10 238.78 -0.04

8 30 558.11 530.98 0.05

10 30 512.71 474.92 0.07

12 30 449.51 433.54 0.04

14 30 364.36 401.38 -0.10

8 40 744.77 757.60 -0.02

10 40 649.83 677.60 -0.04

12 40 659.43 618.58 0.06

14 40 570.16 572.70 0.00

6 30 213.91 230.54 -0.08

8 30 211.28 199.65 0.06

10 30 183.95 178.58 0.03

12 30 175.70 163.02 0.07

6 40 325.26 321.24 0.01

8 40 264.68 278.20 -0.05

10 40 229.82 248.83 -0.08

12 40 220.93 227.15 -0.03

6 50 412.54 413.04 0.00

8 50 360.68 357.70 0.01

10 50 304.16 319.94 -0.05

12 50 310.52 292.06 0.06

25.75 5.33

4 25 0.2 0.97 12.24 4.41

Strand width

3 25 0.2 0.98
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Fig. 3.10 Bioplotter printed versus model-predicted strand width (with slip) for a tapered 

dispensing needle (0.2mm exit diameter) at different dispensing pressures (20, 30, 40, and 50 

kPa), needle speeds (6, 8, 10, 12, and 14 mm/s), and alginate concentrations of (a) 4% and (d) 

3% (w/v); comparison plot (with diagonal line of equality) of measured and predicted strand 

width data for alginate concentrations of (b) 4% and (e) 3% (w/v); and distribution of residual 

prediction errors of strand width data for alginate concentrations of (c) 4% and (f) 3% (w/v). 

Experimental data are statistically significant for same needle speed and different dispensing 

pressures (n = 3; pb < 0.05). 
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3.5.4 Combined effect of needle diameter and temperature on flow rate 

In real applications, various dispensing pressures, needle diameters, and temperatures are used 

for the biofabrication of alginate scaffolds with rapid prototyping techniques. In this study, two 

different dispensing pressures (20 and 30 kPa) were maintained to study the flow rate of alginate 

under the collective influence of various needle diameters (0.2, 0.25, 0.41, and 0.61 mm) and 

temperatures (25, 35, 45, and 55 °C). 

Good agreement between model predictions and experimental data was observed for 

dispensing pressures of 20 and 30 kPa (Table 3.5). However, model prediction is more accurate 

at a dispensing pressure of 20 kPa (R2 = 0.99, MAPE = 11.61%) versus 30 kPa (R2 = 0.98, 

MAPE = 12.35%) (Figs. 3.11 (b) and 3.11 (e)). The residuals demonstrate a random distribution 

pattern representative of an unbiased predictability of the flow rate model equation (Figs. 3.11 

(c) and 3.11 (f)). At the same dispensing temperature and pressure, alginate flow rate increases 

with increasing needle diameter. At the same needle diameter and dispensing pressure, flow rate 

increases with temperature. The higher temperatures (35, 45, and 55 °C) and dispensing pressure 

(30 kPa) cause more deviations between model predictions and measured data compared to the 

lower temperature (25 °C) and dispensing pressure (20 kPa) (Figs. 3.11 (a) and 3.11 (d)). The 

deviations between model predictions and experimental results at different needle diameters and 

operating temperatures could be due to the combined effect of various considerations. For 

example, wall slip could take place in the cone and plate rheometric arrangement during alginate 

viscosity measurements [48, 49]. Because the flow behavior model was developed without 

considering the effect of wall slip in the rheometer, the predicted flow behavior parameters (K, 

τ0, and n) would introduce error into the flow rate model. Further, the increase of needle diameter 

and wall shear stress results in reduced slip flow for the shear-thinning (yield pseudoplastic) fluid 

(alginate), and thus influences the deviations between experimental results and model predictions 

[48,50]. Errors were also introduced into the flow rate model predictions because surface 

parameters of the needle (e.g., polarity, electric charge, wettability, and roughness), which affect 

wall slip [48, 51], were not considered. Consequently, the error in the slip flow model further 

increases the uncertainty and difficulties in the prediction of total flow rate, as wall slip augments 

turbulence and instabilities in the fluid flow through the dispensing needle [52]. 
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Fig. 3.11 Model-predicted versus experimental mass flow rate of alginate (2% w/v) through a 

tapered needle with varying exit diameters (0.2, 0.25, 0.41, and 0.61mm) at different 

temperatures (25, 35, 45, and 55 °C) and dispensing pressures of (a) 20 and (d) 30 kPa; 

comparison (with diagonal line of equality) of measured and predicted flow rates at dispensing 

pressures of (b) 20 and (e) 30 kPa; and distribution of residual prediction errors of flow rates at 

dispensing pressures of (c) 20 and (f) 30kPa 

3.6 Conclusions 

The present study developed model equations to predict the flow behavior and flow rate of 

alginate for 3D bioplotting. Experimental rheological data for alginate (1–4%) at four different 

temperatures (25, 35, 45, and 55 °C) were presented. Experiments to characterize the flow 

behavior of alginate suggest that temperature and concentration have a profound effect on the 
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consistency index, flow index, and yield stress. The model equations developed to predict flow 

behavior parameters at any arbitrary alginate concentration and temperature were validated 

against experimental values. Good agreement with experimental data indicates the ability of the 

model equations to predict the flow behavior of medium viscosity alginate during scaffold 

fabrication. Moreover, the flow rate model developed can predict the non-Newtonian flow rate of 

alginate from a tapered needle with remarkable accuracy and can predict the flow rate of alginate 

with outstanding precision under the combined effect of various needle diameters and 

temperatures. In addition, the assumption of the wall slip effect of alginate is reasonable because 

the flow behavior curve of medium viscosity alginate follows the shear-thinning (yield 

pseudoplastic) pattern of a Hershel–Bulkley fluid. 
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CHAPTER 4 

Influence of Ionic Crosslinkers (Ca2+/ Ba2+/ Zn2+) on the Mechanical and 

Biological Properties of 3D Bioplotted Hydrogel Scaffolds 

This chapter has been published as “Sarker M.D., Izadifar M, Schreyer, D., and and Chen X.B. 

Influence of ionic crosslinkers (Ca2+/ Ba2+/ Zn2+) on the Mechanical and Biological Properties of 

3D Bioplotted Hydrogel Scaffolds. J. Biomater. Sci. Polym. Ed. 2018; 29: 1126-1154.” 

According to the Copyright Agreement, "the authors retain the right to include the journal article, 

in full or in part, in a thesis or dissertation".  

(All the experimental work was conducted by me. Izadifar M helped me to conduct compression experiements and 

calculaions. Professor Xiongbiao Chen and David Schreyer guided and supervised the whole research work.) 

 

4.1 Abstract  

Three dimensional (3D) bioplotting requires appropriate crosslinkers to crosslink the hydrogel 

precursor while simultaneously maintaining the viability of embedded cells. However, the 

evaluation and comparison of various types of crosslinkers in bioplotting remains underexplored 

to date. It was hypothesized that the mechanical strength and biological performance of medium 

viscosity alginate (MVSA) scaffold could be influenced by the divalent metal ions released from 

various ionic crosslinkers. This paper presents our study of the influence of three commonly-

used ionic crosslinkers—calcium chloride (CaCl2), barium chloride (BaCl2), and zinc chloride 

(ZnCl2)—on the mechanical and biological properties of 3D bioplotted alginate scaffolds. The 

scaffold mechanical properties characterized included the elastic modulus, swelling, and 

degradation while the biological properties considered included Schwann cell viability and 

surface morphology. The mechanical and biological properties of the bioplotted scaffolds were 

both dependent on the crosslinkers used for fabrication; specifically, crosslinking ions resulted in 

the elastic modulus of the hydrogels decreasing in the order BaCl2 > CaCl2 > ZnCl2 over 42 days 

while Schwann cell viability decreased in the order CaCl2 > BaCl2 > ZnCl2 over 7 days. Taken 

together, these results offer insights that are effective in terms of manipulating the 3D bioplotting 

process so as to tune and optimize the mechanical and biological performance of the plotted 

scaffolds for tissue engineering applications.  
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4.2 Introduction 

Over the past few decades, remarkable progress has been achieved in scaffold-based tissue 

regeneration. The success of such scaffolds largely depends on the fabrication technique and 

design. Extrusion-based 3D bioplotters allow scaffolds to be printed with outstanding geometric 

precision compared to conventional methods [1–7]. Moreover, a large cell population can be 

incorporated into the scaffold to aid in tissue growth. 3D bioplotters featuring multiple nozzles 

further facilitate the positioning of multiple cell types layer-by-layer to mimic native tissue 

[1,6,8,9]. In a 3D bioplotting system, hydrogels have frequently been used due to their hydrated 

nature and utility for extruding cell-biopolymer mixtures [10]. In particular, fabrication of 

hydrogel scaffolds using a 3D bioplotter requires the simultaneous consideration of three aspects: 

printability, mechanical stability, and biological performance. Several hydrogel precursors have 

been explored to date in 3D bioplotting, including gelatin, chitosan, polyethylene glycol, fibrin, 

collagen, etc. [11]. In particular, sodium alginate has frequently been investigated for 3D 

bioplotting applications because of its availability, outstanding printability, and biocompatibility. 

For effective bioprinting, cells must be mixed into an alginate hydrogel precursor and the 

solution extruded from the bioprinter to form a hydrogel upon exposure to a crosslinker, all while 

maintaining cell viability within the crosslinked matrix. In this context, the crosslinker should 

have rapid crosslinking properties to facilitate 3D bioplotting with outstanding cell viability. Cell 

viability in the extrusion process depends on the printing parameters (e.g. nozzle diameter, 

extrusion pressure, temperature), crosslinkers (e.g. photo, ionic, enzymatic), and the properties of 

the hydrogel (e.g. viscosity, cytotoxicity, pH) [12–14]. Ionic crosslinkers are obviously more 

biocompatible compared to UV- or other cytotoxic crosslinkers (e.g., genipin, glutaraldehyde, 

etc.) [15,16]. In particular, alginate rapidly forms a hydrogel in the presence of divalent/trivalent 

cations at room temperature and mild conditions (pH~7). This property of alginate allows for the 

maintenance of excellent cell viability during biofabrication using an extrusion-based system 

[17].   

Several studies have evaluated alginate microbeads crosslinked with calcium (Ca2+), 

barium (Ba2+), or zinc (Zn2+) ions for their ability to promote tissue regeneration and release 

growth factors [18]. Ca2+ and Ba2+ ion crosslinked alginate microbeads or microparticles have 

also been explored for their cytocompatibility in growth factor release studies [19,20]. However, 

the concentration of ionic crosslinkers is a critical issue in a gelation process that requires 
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optimization to obtain enhanced cell viability. For example, excess amounts of Zn2+ ion provoke 

cytotoxicity [21] but alginate microbeads crosslinked with reasonable amount of Zn2+ ions 

improve the viability of human umbilical vein endothelial cells by releasing VEGF [22]. Besides 

the microbead culture, the application of ionic crosslinkers has been further extended to 3D 

bioprinted alginate constructs.  

In in vitro or in vivo culture, the biocompatibility and mechanical properties (e.g., 

degradation, swelling, and elastic modulus) of bioplotted scaffold can significantly affect tissue 

regeneration [23]. While rapid degradation causes the loss of 3D structure and reduction in 

elastic modulus prior to tissue formation, non-degradable scaffolds cause inflammation and poor 

tissue regeneration in vivo [24]. Likewise, excessive swelling disrupts the harmony between 

native tissue and an implanted scaffold in vivo as a result of squeezing the surrounding healthy 

tissues [25]. Because uncontrolled swelling causes rapid degradation, the Young’s modulus of 

implanted scaffolds can be significantly compromised within a short period of time. Further, if 

the applied compressive stress in vivo exceeds the elastic limit, the internal structure of the 

scaffold is permanently damaged. Therefore, fabricated scaffolds should have a sufficient elastic 

limit so as to avoid structural damage during tissue growth in vivo. 

 Several studies report that alginate hydrogels rapidly degrade in vivo. When alginate 

scaffolds were implanted in a 2-mm gap in the transected spinal cord of rodents, they degraded 

within 14 days and before axon regeneration [26]. However, the sequential use of dual (CaCl2 

and BaCl2) crosslinkers for bioprinted alginate scaffolds could extend the mechanical stability 

from 3 d to beyond 11 d without compromising human glioma cell viability [27]. Similarly, disc-

shaped alginate hydrogels crosslinked with Zn2+ / Ca2+ ions demonstrated better structural 

stability and water absorbency than a Ca2+ crosslinked alginate hydrogel [28]. Therefore, 

investigation of different ionic crosslinkers for hydrogel bioplotting is very important because 

sequential addition of various crosslinkers can simultaneously enhance mechanical stability and 

cell viability.  

Although ionic crosslinkers are useful in alginate bioplotting, only a few studies have 

been conducted that investigate the mutual effect of crosslinker and hydrogel precursor 

percentage on the mechanical stability of alginate scaffolds over time in vitro. For example, a 

comprehensive study [29] was conducted to assess the effect of the concentration of CaCl2 on the 
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mechanical behavior of bioplotted alginate (2% w/v) scaffolds over a 4-week period; however, 

the samples were incubated in distilled water instead of phosphate buffered saline (PBS), which 

would have simulated physiological conditions. Moreover, several studies [30–32] have 

evaluated the mechanical stability of bioplotted composite alginate scaffolds to inform 

approaches for better mechanical stability and biological performance. Their major limitation is 

that the non-covalently linked composite polymer (e.g., hyaluronic acid, gelatin, etc.) degrades 

during the incubation period and thus significantly affects the mechanical stability of the 

scaffolds.  

In addition to mechanical properties, cell viability during the bioplotting process is a 

significant issue in tissue regeneration [33]. Several studies report that a large portion of the cell 

population experiences shear forces in the bioplotting process related to the viscosity of the 

alginate hydrogel which, in turn, is related to the alginate percentage in the hydrogel precursor 

[34,35]. Moreover, cell viability in extruded filaments is affected by the ionic crosslinker [36]. 

Because both the viscosity and ionic crosslinker used affect cell viability in the bioplotted 

scaffold, their combined effect should be considered; however, few such studies have been 

published. 

Overall, printability, mechanical properties, and biological performance of bioplotted 

alginate scaffolds have not been simultaneously studied with respect to the effect of the ionic 

crosslinkers (Ca2+/ Ba2+/ Zn2+) used and the percentage of alginate in the hydrogel precursor. 

Further, only minimal characterization of the mechanical properties (e.g., swelling, degradation, 

elastic modulus) of bioplotted alginate scaffolds created with an extrusion technique has been 

reported. This speaks to the need to perform a study to assess the influence of different ionic 

crosslinkers as well as alginate and crosslinker concentrations on mechanical properties of 3D-

printed alginate scaffolds over time in physiologically relevant conditions. Further, because the 

geometrical features [37], degradation, and interconnected pores [38] play important roles in 

tissue regeneration, an assessment of surface morphology changes in the 3D-printed scaffold 

over time is also critical. Scanning electron microscopy (SEM) is frequently used to characterize 

and study scaffolds in nerve tissue engineering in terms of surface morphology, pore size, strand 

width, and pore interconnectivity [39–41]. Scaffold degradation has also been investigated with 

SEM imaging [42]. 
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Here, the effects of alginate concentration (i.e. 2, 3, and 4%) and three concentrations 

(i.e. 50, 100, and 150 mM) of three different ionic crosslinkers (i.e. CaCl2, BaCl2, and ZnCl2) on 

the physical, structural, and mechanical behavior of 3D-printed alginate scaffolds were 

investigated up to 42 days. A multiple regression analysis was conducted to derive predictive 

equations for exploring the mechanical behaviors of alginate scaffolds with respect to 

crosslinking conditions. The influence of these factors on Schwann cell viability in the context of 

3D-bioplotted alginate scaffolds was also determined. Schwann cells were selected because they 

play a key role in peripheral nerve regeneration. Finally, the surface morphology of the scaffolds 

over 42 days of degradation in vitro was also assessed using SEM.  

4.3 Materials and methods 

Medium viscosity alginate (sodium salt from brown algae), calcium chloride, barium chloride, 

and zinc chloride were purchased from Sigma Aldrich (Oakville, ON, Canada). The medium 

viscosity alginate (product number: A2033) contained approximately 61% mannuronic (M) and 

39% guluronic (G) acid for an M/G ratio of 1.56. This ratio may affect the gelling and 

mechanical properties of sodium alginate once crosslinked [14]. Polyethyleneimine (PEI) (MW 

60,000, 50% w/w in H2O) was purchased from Alfa Aesar (Ward Hill, MA, USA). Hoecst 33342 

and propidium iodide (PI) were purchased from AnaSpec (Freemont, CA, USA). PBS (10 mM) 

was purchased from GE Healthcare Life Sciences (Logan, UT, USA).  

4.3.1 Fabrication of 3D-bioplotted alginate scaffolds 

A pneumatically controlled 3D-Bioplotter (Envisiontec GmbH, Germany) equipped with 

computer aided design (CAD) software was used to fabricate alginate scaffolds layer-by-layer 

(Figs. 4.1A-C). Medium viscosity alginate solution (4%, 3%, 2% w/v) was loaded into the 

material dispensing unit of the 3D bioplotter. Alginate strands were printed at a planar needle 

speed of 8 to 16 mm/s and pneumatic pressure of 0.1 to 0.3 bar with a taper tip dispensing needle 

(EFD Nordson, Westlake, OH, USA) with an extrusion diameter of 200 μm. To biofabricate 

alginate scaffolds with predefined dimensions (10 × 10 × 5 mm) composed of 31 successive 

layers, alginate precursor was dispensed into PEI-coated wells (created by incubating with 0.1% 

(w/v) PEI overnight at 37 °C in 5% CO2) of a 12-well tissue culture plate (Falcon®, Corning Inc.) 

containing 50, 100, or 150 mM of CaCl2, BaCl2, or ZnCl2 solution [43]. During bioprinting, the 

extrusion needle was kept submerged in the ionic crosslinker. The printing was conducted by 
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maintaining a right angle between consecutive layers of strands and a 1 to 1.5 mm interstrand 

distance. For each combination of alginate precursor and crosslinker concentration, at least three 

scaffolds were bioplotted using identical needle speeds, extrusion pressures, and temperatures. 

 

Fig. 4.1 (A) 3D bioplotting of alginate scaffold into 50 mM CaCl2 solution; (B) schematic of 3D 

biofabrication process; and (C) stereo microscopic image of the pore structure of a scaffold 

bioplotted with 3% (w/v) alginate precursor in 50 mM CaCl2 solution. 

4.3.2 Assessment of print fidelity/ printability  

The term printability indicates how close the printed scaffolds are to the intended design in terms 

of strand width, interstrand spacing, and pore geometry [44], which often fluctuate in practice. In 

3D bioplotting, the strand width and interstrand spacing depend on the machine accuracy and 

properties of the hydrogel precursor. To evaluate print fidelity, scaffolds were bioplotted 

maintaining a given extrusion pressure (0.2 or 0.3 bar), needle speed (12 or 14 mm/s), and 

alginate precursor concentration (3 or 4% w/v). The expected strand width and interstrand 
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spacing were calculated based on the viscosity of hydrogel precursors and the printing 

parameters [7]. In addition to machine accuracy, ionic crosslinkers might affect the printability 

of a hydrogel by regulating the gelation speed of the extruded hydrogel precursor. In ideal 

gelation conditions, the bioplotted strands should be geometrically identical and form regular 

square-shaped pores if successive layers are printed maintaining a 90° angle between them. 

Based on the bioplotter accuracy, properties of the hydrogel precursor, and gelation speed, 

bioplotted strands can be under-, over-, or appropriately crosslinked in the ionic crosslinking 

medium. The degree of gelation can be demonstrated in terms of the printability of the alginate 

hydrogel, which can be calculated as per [45]: 

Ψ = 
4𝜋𝛽

𝑃𝑟
2  ,      (4.1) 

PA = 
𝜋

4𝛹
 = 

𝑃𝑟
2

16𝛽
 ,     (4.2) 

where Ψ, β, Pr, and PA respectively represent the circularity, area, perimeter, and printability of 

the bioplotted alginate strands. The printability of the 3% (w/v) hydrogel precursor was 

evaluated after bioplotting every 10 layers in the ionic crosslinking medium (CaCl2, or BaCl2, or 

ZnCl2) at concentrations of 50, 100 and 150 mM. Images of the scaffold pores were captured 

with a fluorescent microscope (Carl Zeiss Axiovert 100) and a 20X micro zoom mounted digital 

camera. The images were analyzed with ImageJ software (National Institutes of Health, 

Bethesda, Maryland, USA) to determine the perimeter and area enclosed by a pore. A minimum 

of three random pores were chosen in a scaffold to characterize the printability of a given 

hydrogel based on Equation (4.2).  

4.3.3 Degradation and swelling rate measurements  

The degradation of the 3D-printed scaffolds crosslinked with 50, 100, or 150 mM CaCl2, BaCl2, 

or ZnCl2 was quantified based on mass loss. The crosslinked alginate scaffolds were dipped into 

3 mL of PBS solution after fabrication and their mass measured at predetermined time intervals 

during incubation in 10 mM PBS at 37 C and 5% CO2. The dry weights of the scaffolds were 

measured after freeze drying for 48 h after 0 (immediately after fabrication), 7, 21, and 42 d. The 

mass loss (MLoss) (% w/w) representing the scaffold degradation was then calculated using:  
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where M0 is the initial dry weight of the crosslinked scaffold (10 min in the crosslinking 

solution) after fabrication and Mt is the dry weight of the scaffold at the specified time intervals. 

Data were obtained for at least three replicates for each combination of alginate precursor 

concentration, crosslinker type, and crosslinker concentration. 

To assess the swelling index, alginate scaffolds were immersed in 10 mM PBS solution 

after 3D-printing and incubated at 37 °C in 5% CO2. At pre-determined time intervals of 0 h 

(immediately after fabrication), 3 h, and 1, 3, 7, and 14 d, the scaffolds were blotted to remove 

excess buffer using Kimwipes™ and weighed to calculate the swelling index (SI), defined as  

100
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0 
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

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WW
SI t ,       (4.4) 

where W0 is the initial wet weight of the scaffold and Wt is the wet weight of the scaffold at time 

intervals (t) over 14 d. The experiments were performed in triplicate. 

4.3.4 Elastic modulus testing 

Compression testing was conducted on each bioplotted scaffold using a texture analyzer machine 

(Texture Technologies, MA, USA). Alginate precursor (2, 3, or 4% w/v) was bioplotted in the 

ionic crosslinker (CaCl2, BaCl2, or ZnCl2) at concentrations of 50, 100, or 150 mM. The 

scaffolds were then immersed into 3 mL PBS (10 mM) solution at 37 C in 5% CO2 for 0, 7, 21, 

or 42 d. At these time points, scaffolds were removed from the 12 well plate, blotted with 

Kimwipes™ to eliminate excess buffer, and placed under the probe of the texture machine (Fig. 

4.2). Before compression, images of the scaffolds were captured using a 20X micro zoom 

mounted digital camera to measure the dimensions (length, width, and height) with ImageJ 

software. During compression testing, a probe speed of 0.01 mm/s was used to compress the 

scaffolds to 20% of their original thickness. At least three samples were run for each 

combination of alginate precursor concentration, crosslinker type, and crosslinker concentration. 

Young’s modulus was calculated from the slope of the stress versus strain curve for each 

scaffold in the 0-10% strain region [46].  
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Fig. 4.2 Elastic modulus testing of alginate scaffolds: (A) schematic of experimental procedure, 

(B) compression probes of a texture analyzer machine, and (C) stress versus strain plot of a 3D 

printed alginate scaffold. 

4.3.5 Biological analysis of cell-laden 3D-bioplotted scaffolds   

Primary rat Schwann cells (PRSC) were used in the 3D biofabrication of alginate scaffolds. For 

all experiments, PRSC passage numbers were maintained between 5 and 12. The PRSCs were 

cultured in 10-cm tissue culture dishes containing standard Dulbecco’s Modified Eagle Medium 

(DMEM) supplemented with 10% fetal bovine serum (FBS) (Invitrogen Co., Carlsbad, CA, 

USA). The culture dishes were kept in a 5% CO2 enriched humidified incubator at 37 °C. PRSCs 

were cultured until 100% confluency, and then stripped with 1 mL 0.25% Trypsin/EDTA 

(Invitrogen) agent and suspended in 10 mL DMEM. To obtain the desired cell number per unit 

volume of DMEM, cell suspensions were centrifuged at 800 rpm for 5 min, counted using a 
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haemocytometer, and then resuspended in DMEM. To prepare the printing bioink, PRSCs were 

thoroughly mixed with alginate solution (prepared in Ca2+ free DMEM) at a density of 5 × 105 

cells/mL using two syringes and a three-way stopcock. 

To assess Schwann cell viability in the context of printed alginate filaments, double-

layered scaffolds were printed on PEI-coated tissue culture wells. The double layers were kept in 

the crosslinker (CaCl2, BaCl2, and ZnCl2) for 5 min and then washed with 10 mM PBS and 

DMEM to remove the excess crosslinking solution. At day 1, 4, and 7, scaffold-embedded 

PRSCs were stained with Hoechst 33342 (2.5 μg/mL) and propidium iodide (25 μg/mL) to count 

the total and dead cell populations, respectively, in the strands [47]. Images were taken from five 

random positions of each strand using a fluorescent microscope (Carl Zeiss Axiovert 100). 

ImageJ software was used to count the cells on a single projection prepared from stacking 

multiple images of cells captured at different planar surfaces [48]. The cell viability (CV, in 

percent) was evaluated as:  

100
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where NT and ND are the total and dead cells, respectively. In all experiments, PRSC viability 

associated with 0.1 mg/mL poly-l-lysine (PLL)-coated plates was considered a positive control. 

PLL, a polycationic polymer, is often used in SC culture since PLL coated surface enhances the 

attachment and proliferation of SCs [49]. 

4.3.6 Assessments of surface morphology 

The surface morphology of the degraded alginate scaffolds at different time points was studied 

using SEM (Hitachi SU8000, Japan). The degraded samples were first thoroughly dehydrating 

by freeze drying for 48 h, then placed on carbon tape attached to SEM stubs. Each sample was 

coated with a thin layer (10 nm) of gold (Q150T, Quorum Technologies, UK). SEM imaging was 

conducted at 5 kV with at least 10 images of each sample taken from random locations, and the 

most representative images of the surface morphology used for surface morphology assessment. 

4.3.7 Derivation of multiple regression equations 

Multiple regression analysis with an appropriate experimental design can be used to obtain 

equations that identify optimum conditions for various applications [50,51]. Multiple regression 
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analysis was conducted to fit regression equations to three responses (elastic modulus, degree of 

swelling, and degradation) as a function of three controllable factors [alginate concentration (2-

4% w/v), crosslinker solution concentration (50-150 mM), and incubation time (7-42 d)]. 

Response variables were also measured at day 0 (after printing the scaffold) and these data 

included in the statistical analysis. Stepwise regression was used to select variables for inclusion 

in the multiple regression equations. The first order, second order, and two-factor interaction 

terms with significant effects (pb-value<0.05) were included in the model. The multiple 

regression analysis associated with each crosslinker was performed using SPSS software (SPSS 

Inc., IBM).  

4.3.8 Statistical analyses 

An analysis of variance (ANOVA) study was carried out using SPSS and Graphpad Prism 5.0a 

software (GraphPad Software, San Diego, CA, USA) to identify variables significantly affecting 

(pb-value < 0.05) the scaffold elastic modulus, degradation, and swelling rate as well as cell 

viability. Multiple regression analysis was also conducted to assess the linear, quadratic, and 

two-factor interaction effect of the variables on the elastic modulus and swelling of scaffolds at 

pb<0.05. In addition, 'student t test' was conducted to assess the statistical significance (pb<0.05 

and pb<0.01) of Schwann cell viability in the alginate strands crosslinked with Ca2+/Ba2+/Zn2+. 

4.4 Results  

4.4.1 Printability/Fidelity   

To quantify the printability of the alginate strands in terms of gelation efficiency, the pore shape 

of the bioplotted pattern was considered (Fig. 4.3B-D). In an ideal scenario, if right angles 

between successive layers and identical interstrand distances are assigned in the CAD program 

then the pores that form in the bioplotted pattern would be perfect squares (Fig. 4.3A). 

Experimental results show that Ca2+ ion crosslinked 3% (w/v) alginate strands formed square-

shaped pores even after 20 consecutive layers while Ba2+ and Zn2+ ion crosslinked alginate 

strands generated imperfectly square-shaped pores (Figs. 4.3E-G). The printability of the alginate 

precursors was characterized in terms of the numerical value estimated with Equations (4.1) and 

(4.2). Plots of printability versus number of printed layers for the 3% alginate precursor reveal 

that the Ca2+ and Ba2+ ion crosslinked alginate strands have values in the region of acceptable 

printability (~0.9-1.1) for all concentrations of crosslinker ions considered (50-150 mM) (Figs. 
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4.3H-I) [45]. In contrast, Zn2+ crosslinked alginate strands demonstrated reasonable printability 

at 100 and 150 mM ZnCl2 but poorer printability at 50 mM ZnCl2 (Fig. 4.3J). For each 

concentration of Ca2+/Ba2+/Zn2+ ions, the first two bioplotted layers appeared to have slightly 

lower printability compared to successive layers; the printability also decreased slightly after 

bioplotting ~20 layers of alginate strands. 

 

Fig. 4.3 Printability of alginate precursor in terms of gelation efficiency: (A) pore geometry of 

alginate scaffold; (B) over-crosslinked, (C) perfectly crosslinked, and (D) under-crosslinked 
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structures; top view of alginate strands bioplotted with 3% (w/v) alginate precursor into 150 mM 

BaCl2 (E), 50 mM CaCl2 (F), and 50 mM ZnCl2 (G solution [scale bar =  250 µm]; and 

printability vs. number of printed layers for 3% (w/v) alginate precursor extruded into (H) CaCl2, 

(I), BaCl2, and (J) ZnCl2 solution. 

 

The strand widths of Ca2+ ion crosslinked alginate filaments bioplotted with 2-4% (w/v) 

hydrogel precursor were close to the predefined dimensions as per the CAD software, but the 

strand widths of Ba2+ or Zn2+ ion crosslinked alginate were non-uniform and varied from the 

predefined dimensions (Fig. 4.4A-C). The interstrand distances between the predefined geometry 

and bioplotted pattern for the 2% (w/v) alginate precursor in the 50 mM ionic crosslinkers 

(Ca2+/Ba2+/Zn2+) were not significantly different (Fig. 4.4D). This was also the case for the Ca2+ 

ion crosslinked 3 and 4% (w/v) alginate precursor extruded strands but not those crosslinked 

with Ba2+ and Zn2+ ions, which featured significant non-uniformity with respect to the prescribed 

dimensions (Fig. 4.4E-F).   
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Fig. 4.4 Printability of alginate precursor in terms of strand width and interstrand gap; strand 

width of alginate scaffold bioplotted with (A) 2%, (B) 3%, and (C) 4% (w/v) alginate precursor 

[n = 3, *pb < 0.05, **pb < 0.01], and interstrand distance of alginate scaffolds bioplotted with (D) 

2%, (E) 3%, and (F) 4% (w/v) alginate precursor [n = 3, *pb < 0.05, **pb < 0.01] 

4.4.2 Influence of ionic crosslinkers on scaffold swelling 

Images were captured on day 0 and 42 to assess swelling of the Ca2+/Ba2+/Zn2+ ion crosslinked 

alginate scaffolds over time (Fig. 4.5CI-HIII). The day 0 scaffolds shown were crosslinked with 
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Ba2+ (Fig. 4.5CI-CIII), Ca2+ (Fig. 4.5EI-EIII), or Zn2+ (Fig. 4.5GI-GIII) ions and then incubated 

with 10 mM PBS. By day 42, the Ca2+ (Fig. 4.5FI-FIII), and Zn2+ (Fig. 4.5HI-HIII) ion 

crosslinked alginate scaffolds had notably changed dimensions due to swelling. The Ca2+ and 

Zn2+ ion crosslinked alginate scaffolds appeared to swell more in the PBS solution than those 

crosslinked with Ba2+ ion (Fig. 4.5DI-DIII).  
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Fig. 4.5 Effect of various ionic crosslinkers on alginate swelling: (A) bioplotted alginate strands 

before and after swelling;  CaCl2 (50 mM) crosslinked scaffolds at day 0/42 with alginate 

precursor concentrations of (BI/CI) 4%, (BII/CII) 3%, and (BIII/CIII) 2% in 10 mM PBS; BaCl2 

(50 mM) crosslinked scaffold at day 0/42 with alginate precursor concentrations of (DI/EI) 4%, 
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(DII/EII) 3%, and (DIII/EIII) 2% in 10 mM PBS; and ZnCl2 (50 mM) crosslinked scaffold at day 

0/42 with alginate precursor concentrations of (FI/GI) 4%, (FII/GII) 3%, and (FIII/GIII) 2% in 

10 mM PBS [scale bar = 5 mm]. 

 

 The effect of ionic crosslinkers on scaffold swelling after immersion in 10 mM PBS 

solution and incubation for 2 weeks has been shown in Fig. 4.6A-C. All alginate scaffolds 

swelled rapidly at the start of the incubation (0-4 h) and then demonstrated little change 

thereafter. For the CaCl2 crosslinker, the 3% (w/v) alginate precursor crosslinked with 100 mM 

CaCl2 swelled the most, the 2% (w/v) alginate precursor crosslinked with 150 mM CaCl2 the 

least, and the 4% (w/v) alginate precursor crosslinked with 50 mM CaCl2 an intermediate 

amount. For the BaCl2 crosslinker, the total amount of swelling was greatest in the 4% (w/v) 

alginate scaffold crosslinked with 100 mM BaCl2, the least in the scaffold fabricated with 3% 

(w/v) alginate and 150 mM BaCl2, and intermediate in the 2% (w/v) alginate scaffold crosslinked 

with 100 mM BaCl2. The swelling of the 3% (w/v) alginate scaffold crosslinked with 50 mM 

ZnCl2 and 4% (w/v) alginate scaffold crosslinked with 100 mM ZnCl2 were similar after 2 days 

of incubation. The 2% (w/v) alginate scaffold crosslinked with 100 mM ZnCl2 demonstrated the 

most swelling among the three combinations of alginate and ZnCl2 concentration. 
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Fig. 4.6 Variation of alginate scaffold swelling (%) over 14 days of incubation at 37 °C in 10 

mM PBS when (A) CaCl2, (B) BaCl2, or (C) ZnCl2 was used as the crosslinker. 

4.4.3 Influence of ionic crosslinkers on scaffold degradation  

Figs. 4.7A-C are 3D representations of the cumulative degradation of alginate scaffolds 

crosslinked with Ca2+, Ba2+, or Zn2+ ions and incubated at 37 °C in 10 mM PBS for 42 d. 

Overall, scaffold degradation was significantly affected by increasing alginate and crosslinker 

concentrations (Fig. 4.7A-C). In particular, scaffolds fabricated from high concentration (4% 

w/v) alginate lost more mass per unit decrease of crosslinker concentration (Ca2+/Zn2+) compared 

to those made from low concentration (2% w/v) alginate. Such degradation was more evident in 

Ca2+/Zn2+ ion crosslinked alginate scaffolds than in the Ba2+ ion crosslinked alginate scaffolds, 

which appeared less sensitive to variations in crosslinker concentration or alginate percentage. 

Overall, Zn2+ ion crosslinked alginate scaffolds showed the most degradation, Ba2+ ion 

crosslinked alginate scaffolds demonstrated the least, and Ca2+ ion crosslinked alginate scaffolds 

exhibited intermediate degradation.   
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Fig. 4.7 Variation of alginate scaffold degradation (%) over 42 days of incubation at 37 °C with 

respect to the concentration of alginate precursor and (A) CaCl2, (B) BaCl2, and (C) ZnCl2 

solution. 

 

4.4.4 Effects of ionic crosslinkers on mechanical strength   

Figs. 4.8A-F illustrates variation of the compression elastic modulus of the alginate scaffolds 

with respect to alginate precursor and crosslinker concentration and incubation time for the three 

ionic crosslinkers considered. The compression elastic modulus of the scaffolds dramatically 

decreased with incubation time for all three crosslinkers but the effect of alginate precursor and 

crosslinker concentration varied. For scaffolds crosslinked with CaCl2 (Fig. 4.8A) and BaCl2 

(Fig. 4.8C), decreasing the alginate precursor concentration significantly reduced the elastic 

modulus in the first 10-15 days of incubation in PBS; however, this effect became insignificant 

thereafter. In contrast, no concentration effect of hydrogel precursor on the elastic modulus of 
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Zn2+ ion crosslinked alginate scaffolds was evident (Fig. 4.8E). For the 3% alginate precursor 

crosslinked with lower concentrations of CaCl2 (Fig. 4.8B) and ZnCl2 (Fig. 4.8F), a moderate fall 

in the elastic modulus occurred with time; this decline was significant for BaCl2, especially 

within the first 10-15 days (Fig. 4.8D).   

 

Fig. 4.8 Variation of scaffold compression elastic modulus with respect to alginate 

concentration, crosslinker concentration, and incubation time for crosslinking solutions 

containing (A, B) CaCl2, (C, D) BaCl2, and (E, F) ZnCl2 for fixed crosslinker concentrations of 

100 mM (A, C, E) and a fixed alginate concentration of 3% (w/v) (B, D, F). 
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4.4.5 Multiple regression analysis   

Multiple regression equations were derived for the swelling, degradation, and elastic modulus of 

the alginate scaffolds (Table 4.1A). The swelling equation for CaCl2 crosslinked alginate 

scaffolds features both quadratic and linear relationships to the alginate concentration, whereas 

the equations for BaCl2 and ZnCl2 crosslinked alginate scaffolds indicate a linear relationship 

with alginate concentration and incubation time. The swelling equation for ZnCl2 crosslinked 

alginate scaffold also features a quadratic relationship with alginate and crosslinker 

concentrations. Because the multiple regression equations show good agreement with 

experimental values (R2~0.75), the equations can be used to predict swelling in characterizing 

mechanical properties of alginate scaffold in a physiological environment. 
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Table 4.1 (A) Multiple regression equations for estimating the elastic modulus, swelling, and 

degradation of alginate scaffolds with respect to crosslinking variables for three ionic 

crosslinkers having significant effects (pb<0.05); (B) summary of the crosslinking variables with 

significant effects on the compression elastic modulus and swelling of 3D alginate 

scaffold for three ionic crosslinkers. 

Ionic 

cross-

linker 

Alginate 

scaffold 

Multiple regression equations R2 

CaCl2 

 

Sw = 1675.34CAlg  ̶  266.49𝐶𝐴𝑙𝑔
2   ̶  1809.63 0.78 

 𝐷𝐴𝑙𝑔
∗ (%) = 66.38  ̶  0.13CAlg𝐶𝐶𝑎𝐶𝑙2  + 0.001𝐶𝐶𝑎𝐶𝑙2

2  0.86 

 𝐸𝑌𝑀
∗ = 22.54  ̶  1.39T + 0.04T2 + 1.82𝐶𝐴𝑙𝑔

2   ̶  0.29CAlgT + 4.19 x 10-

4𝐶𝐶𝑎𝐶𝑙2

2  

0.73 

    

BaCl2 

 

Sw = 147.38 + 10.69CAlg T 0.83 

 𝐷𝐴𝑙𝑔
∗ (%) = 44.95  ̶   0.06CAlg𝐶𝐵𝑎𝐶𝑙2   0.84 

 𝐸𝑌𝑀
∗ =3.09𝐶𝐴𝑙𝑔

2  +0.03T2  ̶  0.50 CAlgT + 0.22𝐶𝐵𝑎𝐶𝑙2
  ̶  0.01𝐶𝐵𝑎𝐶𝑙2

T  ̶  

0.15 

0.75 

 

 

ZnCl2 

 

Sw = 251.27 + 0.008𝐶𝑍𝑛𝐶𝑙2

2  ̶   2.74CAlg T   ̶  7.75𝐶𝐴𝑙𝑔
2  0.71 

 𝐷𝐴𝑙𝑔
∗ (%) = 67.11   ̶   0.06CAlg𝐶𝑍𝑛𝐶𝑙2 + 0.54T 0.77 

 𝐸𝑌𝑀
∗ =18.72   ̶  1.99T + 0.04T2 + 0.03CAlg𝐶𝑍𝑛𝐶𝑙2  0.73 

 

 

Mechanical 

properties 

Variables Ionic cross-linker 

CaCl2 BaCl2 ZnCl2 

 𝐶𝐴𝑙𝑔 <0.001*, a 0.01*, b 0.006*, b 

Swelling 𝐶𝐶𝑟𝑜𝑠𝑠−𝑙𝑖𝑛𝑘𝑒𝑟  0.5 0.9 0.03*, c 

 T 0.7 0.01*, b 0.006*, b 

 

Elastic modulus 

𝐶𝐴𝑙𝑔 0.534 0.538 0.675 

T 0.011* 0.608 <0.001* 

𝐶𝐶𝑟𝑜𝑠𝑠−𝑙𝑖𝑛𝑘𝑒𝑟  0.908 <0.001* 0.750 

𝐶𝐴𝑙𝑔
2  <0.001* <0.001* 0.635 

T2 <0.001* <0.001* <0.001* 

𝐶𝐶𝑟𝑜𝑠𝑠−𝑙𝑖𝑛𝑘𝑒𝑟
2  0.033* 0.818 0.668 

T x 𝐶𝐴𝑙𝑔 0.021* <0.001* 0.394 

T x 𝐶𝐶𝑟𝑜𝑠𝑠−𝑙𝑖𝑛𝑘𝑒𝑟  0.526 0.048* 0.218 

𝐶𝐴𝑙𝑔 x 𝐶𝐶𝑟𝑜𝑠𝑠−𝑙𝑖𝑛𝑘𝑒𝑟  0.021* 0.015* 0.008* 

*Statistically significant effect; a representing linear and quadratic relationship with swelling; b representing the 

effect of interaction between incubation time and alginate concentration; c representing quadratic relationship with 

swelling 

(A) 

(B) 
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The degradation of CaCl2 crosslinked alginate scaffolds has a quadratic relationship with 

crosslinker concentration and a linear relationship with alginate and crosslinker concentrations. 

In contrast, the degradation equation for BaCl2 crosslinked alginate scaffold features a linear 

relationship with alginate and crosslinker concentrations. The degradation of ZnCl2 crosslinked 

alginate scaffolds features a linear relationship with incubation time, crosslinker concentration, 

and alginate concentration. The multiple regression equations presented in Table 4.1A for 

predicting degradation of the alginate scaffolds show good agreement with experimental values 

(R2~0.80).   

The multiple regression equations in Table 4.1A demonstrate that the elastic modulus has 

a linear and quadratic relationship with incubation time, and a linear relationship with the 

crosslinking solution concentration and/or alginate concentration or their interactions with 

incubation time for all crosslinker ions considered. The coefficient of determination of ~0.75 

represents a reasonably good agreement between predicted values from equations and the 

measured values for the elastic modulus of the scaffolds. 

Based on Fig. 4.8, multiple regression equations were developed to predict the Young’s 

modulus of alginate scaffolds as a function of incubation time, hydrogel concentration, and 

crosslinker concentration. Fig. 4.9A-F illustrates the relationship between predicted and 

measured values of elastic modulus for the scaffolds and the distribution of residual error of 

prediction for the multiple regression equations given in Table 4.1A. Figs. 4.9A, C, and E 

indicate relatively good agreement between the experimental and predicted elastic moduli of the 

scaffolds, particularly below 40 kPa. For stiffer scaffolds with an elastic modulus above 55 kPa, 

the multiple regression equations underestimate the elastic modulus with respect to measured 

value. The random distribution of the prediction error, as shown in Figs. 4.9B, D, and F, 

represents unbiased predictability of the multiple regression equations in Table 4.1A. 
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Fig. 4.9 Predictability assessment of the multiple regression equations for the 3D-printed 

crosslinked alginate scaffolds with respect to hydrogel and crosslinking solution variables for (A, 

B) CaCl2, (C, D) BaCl2, and (E, F) ZnCl2 solutions. 

 Table 4.1B presents the variables involved in the hydrogel crosslinking process and their 

statistical significance (pb-value) with respect to the swelling and elastic modulus (compression) 

of alginate hydrogels for the three ionic crosslinking solutions considered. The concentrations of 

alginate precursor significantly (pb-value<0.05) affect the swelling of the alginate scaffolds 

crosslinked with CaCl2, BaCl2, or ZnCl2 solutions. Notably, the incubation time of the BaCl2 and 

ZnCl2 crosslinked scaffolds significantly affects (pb-value<0.05) the swelling of the scaffolds in 

PBS. In contrast, only the concentration of ZnCl2 significantly (pb-value<0.05) influences the 

swelling of the alginate hydrogel regardless of alginate concentration (Table 4.1B). The 

interaction between alginate and crosslinking agent concentrations significantly (pb-value<0.05) 

affects the elastic modulus of the alginate scaffolds for CaCl2, BaCl2, and ZnCl2. In addition, the 

square of the incubation time of the crosslinked hydrogel following 3D-printing has a very 

significant effect (pb-value<0.001) on the compression elastic modulus. In particular, the 

interaction between incubation time and alginate concentration is a significant factor (pb-

value<0.05) affecting the compression elastic modulus for the CaCl2 and BaCl2 crosslinking 

solutions. Unlike the ZnCl2 crosslinking solution for which alginate concentration has no 

significant effect on the elastic modulus, the elastic modulus is significantly influenced by the 

squared alginate concentration for the CaCl2 and BaCl2 crosslinking solutions (Table 4.1B).  

4.4.6 Schwann cell viability assessments   

Schwann cell viability in the double-layered alginate strands was assessed to evaluate the effect 

of the three divalent metal ions (Ca2+/Ba2+/Zn2+) on cell survival over time. Fluorescent 

microscopy images demonstrate the highest and lowest PRSC viability in hydrogel strands 

printed from alginate precursors into crosslinking solutions with varied concentrations (Figs. 

4.10C-N). The use of Ca2+ ions as a crosslinking agent resulted in the best cell viability, Zn2+ 

ions in the least, and Ba2+ ions in intermediate values. The lowest alginate percentage in the 

hydrogel precursor (2% w/v) and lowest crosslinker concentration (50 mM) resulted in the 

highest Schwann cell viability.  



109 
 

 

Fig. 4.10 Cell viability assessments with Hoechst 33342 and PI staining assay; (A) stereo 

microscopic image of bioplotted 3% (w/v) alginate precursor, (B) fluorescent image of alginate 

strand embedded with Schwann cells, and (C) fluorescent microscopy images representing the 

highest and lowest Schwann cell viability within the 2% (w/v) alginate (C, D, G, H, K, and L) 

strands extruded into 50 mM ionic crosslinkers and 4% (w/v) alginate (E, F, I, J, M, and N) 

strands dispensed into 150 mM ionic crosslinkers, respectively. Hoechst 33342 stains all 

Schwann cell nuclei, which appear blue in the fluorescent microscopy images, and PI stains only 

dead Schwann cell nuclei red; therefore, dead cells are identified as pink when both stains are 

present. The strands were crosslinked in CaCl2 (C, D, E, and F), BaCl2 (G, H, I, and J), and 

ZnCl2 (K, L, M, and N). Cell viability results are shown for day 1 (C, E, G, I, K, and M) and day 

7 (D, F, H, J, L, and N) [scale bar = 15 µm]. 
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The viability of primary Schwann cell incorporated into the scaffolds fabricated with 

different alginate and crosslinker (CaCl2, BaCl2, and ZnCl2) concentrations is shown in Fig. 4.11. 

Schwann cell viability declined with increasing alginate concentration for all crosslinker 

concentrations over the 7-day incubation period. Cell viability in the alginate strands crosslinked 

with CaCl2 was higher or in some cases equal to that associated with BaCl2 for all crosslinker 

concentrations (Figs. 4.11A-F); the lowest cell viability was identified in the ZnCl2 crosslinked 

alginate strands (Figs. 4.11G-I). Scaffolds prepared from the lowest alginate precursor 

concentration (2% w/v) crosslinked with CaCl2 demonstrated the highest cell viability (Fig. 

4.11A) while those prepared from the highest (4% w/v) alginate precursor concentration 

crosslinked with 150 mM ZnCl2 had the lowest (Fig. 4.11I).  
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Fig. 4.11 PRSC viability in a single layered alginate pattern printed into (A-C) CaCl2, (D-F) 

BaCl2, or (G-I) ZnCl2 solution. The concentration of alginate precursor was 2% (A, D, G), 3% 

(B, E, H), or 4% (w/v) (C, F, and I) in the bioplotted strands [n = 3, *pb < 0.05, **pb < 0.01]. 

4.4.7 Surface morphology analysis   

Fig. 4.12 presents SEM images illustrating macrostructural (Figs. 12A-C) and microstructural 

(Figs. 4.12D-I) changes in the surface morphology of the alginate scaffolds over time. The 

surface morphology and structural integrity of 3% (w/v) alginate scaffolds crosslinked with 150 

mM CaCl2 at day 0 (before incubation; Fig. 4.12A) and at day 7 and 21 (after incubation in PBS; 

Figs. 4.12B and C) show that the porosity of the scaffold clearly increased with incubation time 
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due to alginate degradation. Alginate strands crosslinked with 50 mM CaCl2 resulted in a more 

highly porous structure (Fig. 4.12D) than those crosslinked with 100 or 150 mM Ca2+ ions (Figs. 

4.12E and F). Furthermore, the size and interconnectivity of pores significantly increased with 

incubation time; larger, more interconnected and exposed pores were evident at day 21 and 42 

compared to day 7 (Figs. 4.12G-I). At higher crosslinker concentrations, the packing density of 

the alginate hydrogel is augmented and results in a tightly packed alginate matrix (Figs. 4.12D-

F).  

 

Fig. 4.12 SEM image of alginate (3% w/v) scaffolds crosslinked with 150 mM CaCl2  at (A) day 

0 and on (B) day 7 and (C) day 21 after incubation in 10 mM PBS [scale bar = 500 µm]; alginate 

scaffolds at day 0 crosslinked into (D) 50 mM, (E) 100 mM, and (F) 150 mM CaCl2; and CaCl2 

(150 mM) crosslinked alginate scaffold incubated into 10 mM PBS at (G) day 7, (H) day 21, and 

(I) day 42 [scale bar = 5 µm]. 
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4.5 Discussion  

Bioplotting a 3D scaffold with a predefined architecture requires assessment of the printability of 

the biopolymer employed, which affects the printing resolution and geometrical accuracy. Any 

mismatch among bioplotting variables, biopolymer viscosity, and gelation rate might result in 

under- or over-gelation, non-uniform stands, and a scaffold geometry that deviates from the 

predefined target. Here, printability was evaluated by considering different concentrations of 

alginate precursor and ionic crosslinkers (Ca2+/Ba2+/Zn2+). For a constant concentration of ionic 

crosslinkers (50 mM), the 2% alginate precursor demonstrated better printability in terms of 

intended strand width and interstrand gap than the 3% or 4% (w/v) alginate precursors. The 

poorer printability of the higher concentration precursors (i.e. 3% or 4%) is attributed to variation 

in the printing parameters (e.g., extrusion pressure, temperature, and needle speed), alginate 

viscosity, and gelation rate. For a constant alginate precursor concentration (3% w/v) and varied 

ionic crosslinker concentrations (50, 100, and 150 mM), Ca2+ and Ba2+ ions facilitated 

reasonable printability in terms of pore geometry and demonstrate their applicability in the 3D 

bioplotting process. Significant under-gelation was evident when 50 mM ZnCl2 was employed as 

the precursor, with the alginate strands and building up around the intersections after bioplotting 

20 successive layers (Fig. 4.3G). The slightly poorer printability noted for all crosslinkers in the 

first two bioprinted layers might be attributed to high surface energy caused by the flat printing 

surface [52]. The similar decline in printability noted after ~20 layers is attributed to the limited 

volume of Ca2+/Ba2+/Zn2+ ions in the 12-well tissue culture plate (Figs. 4.3H-J) as discussed 

below. 

Swelling, degradation, and elastic modulus are important mechanical properties of 

hydrogels that have profound effects in nerve tissue engineering. In culture, swelling affects the 

tissue regeneration process. While incorporated multichannels in a 3D scaffold ensure diffusional 

mass transfer to a larger cell population, excess swelling might inhibit the tissue growth by 

blocking the channels and mass transfer mechanism [38]. Upon implantation in vivo, the 

mechanical stability of scaffolds starts to decrease due to their immersion in physiological buffer 

and other biological activity. Therefore, scaffolds should have sufficient mechanical stability for 

a given period of time so that tissue regeneration can take place. Here, the Ca2+
 ion crosslinked 

alginate swelled the most, Ba2+ crosslinked alginate the least, and the Zn2+ ion crosslinked 

alginate at intermediate levels (Figs. 4.6A-C). Because bond strength and ion diffusivity are 
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associated with the crosslinking plane and spatial arrangement of cations, the size and valence of 

cations significantly regulates the swelling behavior of alginate scaffolds [53]. The ionic radii of 

Ba2+, Ca2+,  and Zn2+ are 1.49, 1.14  and 0.88 Å, respectively, which suggests that their bond 

strengths and exchange difficulty occur in the order Ba2+ > Ca2+ > Zn2+ when ion crosslinked 

alginate strands are incubated in PBS. Because both bond strength and ion diffusivity determine 

the quantity of water uptake into divalent cation crosslinked alginate scaffolds, swelling occurs 

in a slightly different sequence (i.e., Ca2+ > Zn2+ > Ba2+) (Figs. 4.6A-C). According to the bond 

strength, Zn2+ ion crosslinked alginate scaffolds should swell more than Ca2+ ion crosslinked 

alginate scaffolds; however, the Ca2+ ion crosslinked alginate scaffolds appear to swell more 

because Zn2+ ion crosslinked alginate scaffolds lose more mass in the incubation period. 

 Sodium alginate is a combination of polymannuronate and polyguluronate sequences 

[54]. Na+ ions available in the PBS solution successively replace Ca2+/Ba2+/Zn2+ ions bound to 

the COOH¯ groups of the polymannuronate and polyguluronate sequences of the alginate 

strands. As per the equations shown in Table 4.1B, alginate concentration has a significant (p-

value<0.05) effect on the swelling rate of the alginate scaffolds crosslinked with the three 

crosslinking solutions. This is attributed to the effect of alginate concentration on the density of 

carboxyl groups (COOH¯) as well as the overall number of Ca2+/Ba2+/Zn2+ ions in the alginate 

hydrogel. Variations in ionic density might affect the attractive forces and the ion exchange 

mechanism in a fixed volume of PBS. The incubation time of the BaCl2 and ZnCl2 (but not 

CaCl2) crosslinked hydrogels significantly (pb-value<0.05) affected the swelling rate of the 

scaffolds. This suggests that Ca2+ ions released from the hydrogel are replaced by surrounding 

Na+ ions earlier compared to Ba2+ ions due to the difference in ionic radius (Ba2+ > Ca2+). Zn2+ 

ions are also quickly replaced by surrounding Na+ ions due to their small ionic radius (0.88 Å), 

but degradation due to ion exchange significantly affects the swelling rate. Moreover, the Zn2+ 

and Ba2+ ions released from alginate hydrogel might form insoluble phosphates by reacting with 

the PBS solution at room temperature, causing chain relaxation, water uptake, and scaffold 

swelling. However, Ca2+ ions would form partially soluble calcium phosphate; over time, free 

Ca2+ ions in the PBS solution might therefore reenter the polymer chain of alginate hydrogel 

[55–57]. This explains in part why the CaCl2 crosslinked alginate scaffold does not swell 

significantly with incubation time.  
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 Unlike ZnCl2, the concentration of CaCl2 or BaCl2 has no significant effect on scaffold 

swelling. This may be because the ion exchange rate is largely dependent on the radius of 

crosslinked ions and the availability of Na+ and PO4
3- in the incubation medium. While a greater 

number of Ca2+ or Ba2+ ions in the hydrogel requires an equivalent amount of Na+ and PO4
3- ions 

for the ion exchange mechanism, the fixed volume (3 mL) and concentration (10 mM) of the 

PBS solution limits the ion exchange rate. Therefore, an increase in crosslinker (CaCl2 and 

BaCl2) concentration does not significantly affect the swelling rate. In contrast, ZnCl2 

crosslinked alginate underwent rapid degradation that caused significant swelling.  

Moreover, higher crosslinker concentrations more effectively reduced degradation as the 

percentage of alginate in the hydrogels increased, particularly when Ca2+ and Zn2+ were used as 

the crosslinking ions. An insufficient number of COOH─ ions might be available in the low 

concentration alginate to bond with excess Ca2+/Zn2+ ions present in the high concentration 

CaCl2/ZnCl2 solution (150 mM) compared to the high concentration alginate precursor. This 

implies that increasing the concentration of Ca2+/Zn2+ ions in the crosslinking media is 

ineffective with respect to increasing the divalent ion concentration in the molecular structure of 

low concentration alginate scaffolds. The high concentration alginate hydrogel might exchange 

more ions (Ca2+/Zn2+) in the PBS solution compared to the low concentration alginate hydrogel 

when 50-150 mM CaCl2/ZnCl2 solution is used in the gelation process. Because ion exchange is 

associated with polymer chain relaxation, swelling, and degradation, more mass loss per unit 

decrease in crosslinker concentration occurs for high concentration alginate strands crosslinked 

with Ca2+/Zn2+ ions. The reduced sensitivity of degradation of scaffolds crosslinked with BaCl2 

is also in part attributed to the greater affinity of Ba2+ ions for alginate compared to Ca2+ or Zn2+ 

ions, as discussed above. 

Furthermore, higher crosslinker concentrations increase the crosslinking density within 

the hydrogel, so more divalent ions are entrapped. The amount of degelation ions (Na+) was 

limited in each tissue culture well due to the constant volume of PBS employed, which restricts 

the ion exchange mechanism in the alginate hydrogel crosslinked with higher concentration of 

Ca2+/Ba2+/Zn2+ ions as noted above. This explains why alginate hydrogels crosslinked with 150 

mM Ca2+/Ba2+/Zn2+ ions show less degradation than those crosslinked with a lower 

concentration (50 mM) of divalent ions. 
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An ideal scaffold should degrade in a controlled fashion over time and simultaneously 

promote tissue regeneration. In general, alginate hydrogel is a soft and biocompatible material 

[18]. However, the degradation of alginate hydrogels can be tuned by manipulating the alginate 

percentage in the precursor as well as the crosslinking density. The bond strength and exchange 

of Ba2+, Ca2+, and Zn2+ ions follow a prescribed sequence (Ba2+ > Ca2+ > Zn2+) when ion 

crosslinked alginate strands are incubated into 10 mM PBS. This sequence controls the 

degradation of alginate scaffolds through water uptake, polymer chain relaxation, surface 

erosion, and dissolution. Consequently, the alginate scaffolds considered here degrade according 

to the divalent cation used for crosslinking in the order Zn2+ > Ca2+ > Ba2+.  In particular, the 

Zn2+ ion crosslinked alginate hydrogel precursor underwent rapid degradation; as such, a 

scaffold using this crosslinking ion could cause the loss of physical cues, shape, geometry, and 

structural integrity over time as well as create a burst release of divalent ions.  

Biomaterials used in 3D fabrication significantly affect tissue regeneration because 

incorporated or seeded cells can sense the mechanical properties of their surroundings [58]. In 

particular, the elastic modulus of biopolymers affects the differentiation, migration, and 

proliferation of cells [59,60]. PBS solution was used as the incubation medium in the present 

study for characterizing changes in the elastic modulus of alginate scaffolds over a period of 6 

weeks. The elastic modulus decreased at a higher rate during the first 21 days and a slower rate 

thereafter, indicating that most of the ion exchange between the hydrogel and PBS took place 

during the first half of the experimental period. Because the scaffolds were incubated in a fixed 

volume of PBS, an insufficient number of Na+ ions were available to allow further degradation 

after 3 weeks. However, in vivo renewal of physiologic buffer might result in a different trend for 

the elastic modulus of the alginate hydrogel [61]. All scaffolds demonstrated elastic modulus 

drops of ~30 to 40% within the first three weeks. This decline over time largely depends on 

variables including ion exchange, swelling, and degradation. Such variables are significantly 

affected by the affinity of divalent ions (i.e., Ba2+, Ca2+, and Zn2+) for the alginate hydrogel.  

In this study, the mechanical property (i.e. swelling, degradation, and Young's modulus) 

of alginate scaffolds demonstrated quadratic or linear relationship with three variables (i.e. 

alginate and crosslinker concentrations, and incubation time). Ideally, in a quadratic relationship 

with the increased value of variables, a specific mechanical property of scaffold should change 
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sharply for some range, and then become less responsive for other range of values of the 

variables. In contrast, for a linear relationship a constant change in the property is seen to take 

place with the increased value of variables.  Unlike the linear relationship, the quadratic 

relationship shows the U-shaped or inverse U-shaped behavior of the material nature with 

respect to that particular mechanical property. 

Formation of ‘bands of Büngner’ by Schwann cells is a prerequisite for damaged nerve 

regeneration [62], so the physiological conditions provided by the alginate hydrogels should 

include consideration of an elastic modulus sufficient to promote their formation [33]. In 

particular, soft alginate hydrogels have been identified as a potential biomaterial promoting 

vigorous neurite extension in vitro [63]. Moreover, neurons cultured on a soft material generate 

less branches compared to those cultured on a rigid material [64,65]. This suggests that both the 

stiff and soft properties of hydrogels are needed over time to achieve nerve regeneration. Thus, 

the gradual decrease in the elastic modulus of alginate hydrogels over time should be helpful for 

Schwann cell proliferation and axon invasion. 

 Calcium ions regulate the attachment, metabolism, enzyme activities, and signal 

transduction of neural cells [66–68]. In several studies, excellent cell viability was reported when 

Ca2+ ion crosslinked alginate was used to encapsulate the cells; however, excess Ca2+ ions 

damaged the nerve tissues [69]. Ba2+ ion crosslinked alginate hydrogels are more mechanically 

stable than Ca2+ ions, but long-term exposure in Ba2+ ions can be cytotoxic [70]. Reduced 

crosslinking time and Ba2+ ion concentration as well as thorough rinsing upon scaffold 

fabrication might reduce the cytotoxicity and improve cell viability. When Ba2+ ion crosslinked 

alginate microbeads were used to encapsulate Sertoli cells, excellent cell viability (90%) was 

observed after 9 days of encapsulation [71]. Similarly, Zn2+ ions crosslinked alginate hydrogel 

can significantly affect the bone mineralization process [72]. Reasonable cell viability was 

identified in the present study for the Ca2+/Ba2+/Zn2+ ion crosslinked alginate strands, but 

optimizing the results for future applications requires the consideration of many factors. 

 Elevated concentrations of Ca2+/ Ba2+/ Zn2+ ions (> 2mM) in the cytoplasm disrupts the 

osmotic balance (∼300 mOsM) between cells and the micro milieu, and causes cell damage due 

to osmotic gradients [73]. In a hydrogel environment, Ca2+ ions remain confined and therefore do 

not contribute to changes in osmolality of the surrounding milieu; however, the exchange of 
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Ca2+/Na+ ions between the physiological buffer and the alginate hydrogel frees Ca2+ ions, but 

most react with phosphate ions (PO4
3-) supplied by the PBS solution and precipitate. Minor 

degradation of the hydrogel scaffold might free a small number of Ca2+ ions, which would not be 

harmful to the viability of the incorporated cell population. However, intense degradation could 

release excess free divalent ions in a fixed volume of PBS solution. Such free divalent ions might 

cause cell damage due to osmotic imbalance and cytotoxicity. This phenomenon was noted in the 

present study for the Zn2+ ion in crosslinked alginate hydrogels. 

 In a 3D culture, cells undergo apoptosis if they lack cell-cell or cell-substrate interactions 

[74]. Alginate hydrogels have poor interaction with incorporated cells because no cell binding 

motifs are present in the molecular structure of polysaccharides   [75]. Here, the encapsulated 

Schwann cells demonstrated a circular morphology over the 7 days of culture period rather than 

an elongated morphology; as such, they failed to form any significant network with surrounding 

cells or the alginate substrate, which could ultimately affect their viability in a 3D scaffold. 

Hydrogel percentage as well as type and concentration of crosslinker affected Schwann cell 

viability in vitro, with the low percentage alginate hydrogel crosslinked with Ca2+/Ba2+/Zn2+ ions 

demonstrating superior cell viability compared to the higher percentage alginate hydrogels. 

Experimental results for the elastic modulus and degradation suggest that lower alginate 

percentage hydrogels have inferior mechanical stability, which might facilitate Schwann cell 

viability through swelling and chain relaxation. In contrast, increased concentrations of divalent 

ions (Ca2+/Ba2+/Zn2+) and/or alginate precursor enhances the crosslinking density and results in a 

stiffer hydrogel over the 7 days of culture period. Tightly packed hydrogels might represent a 

significant barrier with respect to diffusional mass (protein molecule, gas, growth factors, and 

metabolic waste) transfer between the incorporated cells and the culture medium, confining the 

cells and thus reducing cell viability. In addition, cells incorporated into the alginate hydrogel 

cannot proliferate and migrate concurrent with enzymatic degradation of the matrix [76]. 

Therefore, cells remain immobilized in their deposited position for long periods and might 

undergo apoptosis if an adverse environment develops. In this study, the significant drop in 

Schwann cell viability at higher percentages of alginate precursor in the hydrogel and higher 

crosslinker concentrations is attributed to the formation of stiffer hydrogels that have reduced 

mass diffusion. Overall, the cell viability and mechanical properties results suggest ZnCl2 is a 

poor crosslinker with considerable cytotoxic effects in an alginate scaffold system laden with 
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Schwann cells, while CaCl2
 and BaCl2 have properties that could be optimized for nerve tissue 

engineering applications. 

SEM images were captured to study the macrostructure (500-µm scale) and 

microstructure (5-µm scale) of the alginate scaffolds before and after incubation in the 10 mM 

PBS. The macrostructure at day 0 reveals uniform geometry of the scaffold crosslinked with 

Ca2+ ions. However, scaffolds collected on day 7 and day 21 showed severe surface degradation 

and structural deformation due to ionic exchange between the alginate and PBS that results in 

polymer chain relaxation, water uptake, and swelling within the hydrogel. The scaffolds 

gradually degraded due to the combined effects of dissolution and bulk and surface erosion. 

Images captured at the 5-µm scale for alginate scaffolds crosslinked with CaCl2 (50, 100, and 

150 mM) illustrate how the alginate hydrogels have a more compact structure as the 

concentration of ionic crosslinker increases (Figs. 4.12D-F). This is attributed to the higher 

number of Ca2+ ions enhancing the attractive forces between metal ions and polymer chains and 

thus increasing the degree of crosslinking among polymer changes, shrinking the alginate matrix, 

and reducing the porosity. Notably, nano or micro pores were not identified on the surface of the 

alginate strands in the SEM images of scaffolds before incubation, but a large number were 

evident after incubation in PBS. This suggests the bulk degradation and dissolution of alginate 

becomes substantial over time, increasing the size and interconnectivity of pores. The major 

mechanism of surface and bulk degradation followed by pore formation in the alginate is the 

exchange of Ca2+/Na+ ions between the buffer (PBS) and scaffold, which causes bond relaxation 

between the polymer chains of the hydrogel. Indeed, calcium-sodium ion exchange at 

physiologically relevant conditions (PBS at 37 C) caused significant alginate degradation and 

the formation of larger, more interconnected and exposed pores at day 21 and 42 compared to 

day 7 (Figs. 4.12G-I). 

4.6 Conclusions 

This study investigated the applicability of various ionic crosslinkers (CaCl2, BaCl2, and ZnCl2) 

for bioplotting 3D alginate scaffolds. Bioplotting alginate strands into Ca2+/Ba2+ crosslinker ions 

resulted in better printability (∼0.9-1.1) than those crosslinked with Zn2+ ions. The mechanical 

(elastic modulus, swelling and degradation) and biological (cell viability) aspects of these 

alginate scaffolds were also explored in vitro. Graphical representation of the elastic modulus, 
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swelling, degradation, and cell viability suggests that the percentage of alginate precursor and the 

type and concentration of crosslinker ions have a profound effect on the mechanical stability and 

biological performance of the alginate constructs. Scaffolds fabricated with higher 

concentrations of alginate precursor and ionic crosslinkers demonstrated better mechanical 

stability and inferior Schwann cell viability. Moreover, SEM imagery of the surface degradation 

of alginate scaffolds at different time intervals demonstrates that better packing density and 

mechanical stability of alginate hydrogels are achieved at higher Ca2+ ion concentrations, with 

well interconnected nanopores on the bioplotted strands likely to form over time due to 

degradation. Scaffolds fabricated with BaCl2, CaCl2, and ZnCl2 swell and degrade, with a 

concomitant decline in elastic modulus over 42 days in PBS. The mechanical performance of the 

bioplotted alginate scaffolds crosslinked with divalent crosslinkers declined in the order Ba2+ > 

Ca2+ > Zn2+ while the biological performance declined in the order Ca2+ > Ba2+ > Zn2+. Therefore, 

bioplotted alginate scaffold crosslinked with the mixture of BaCl2 and CaCl2 would be a 

prospective approach to enhance the mechanical stability and biological performance of the 

scaffolds in vivo. Such scaffolds could play a significant role in tissue regeneration applications. 

Multiple regression equations were generated to predict the elastic modulus, swelling, and 

degradation with time. Because the coefficients of determination (R2≥0.70) between the 

predicted and experimental values are quite reasonable, these equations can be used to predict 

the mechanical properties of alginate scaffold in vitro or in vivo in future studies.  
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CHAPTER 5 

Bio-Fabrication of Peptide-Modified Alginate Scaffolds: Printability, Mechanical 

Stability and Neurite out Growth Assessments 

 

This chapter has been published as " MD Sarker, Saman Naghieh, Adam D McInnes, Liqun 

Ning, David Schreyer, and Xiongbiao Chen, Bio-fabrication of peptide-modified alginate 

scaffolds: Printability, mechanical stability and neurite out growth assessments. Bioprinting, 

2019, e00045 (In Press)." According to the Copyright Agreement, "the authors retain the right to 

include the journal article, in full or in part, in a thesis or dissertation". 

(All the experimental work was conducted by me. Saman Naghieh and Adam D McInnes helped me in conducting 

mechanical assessments, while Liqun Ning helped me in conducting DRG experiments. Adam D McInnes also 

helped me in English editing. Professor Xiongbiao Chen and David Schreyer guided and supervised the whole 

research work.) 

 

5.1 Abstract 

Peripheral nerve tissue requires appropriate biochemical and physical cues to guide the 

regeneration process after injury. Bioprinted peptide-conjugated sodium alginate (PCSA) 

scaffolds have the potential to provide physical and biochemical cues simultaneously.  Such 

scaffolds need characterisation in terms of printability, mechanical stability, and biological 

performance to refine and improve application in nerve tissue regeneration. In this chapter, it was 

hypothesized that 3D scaffold printed with low concentrated multiple PCSA precursor would be 

supportive for axon outgrowth. Therefore, a 2% (w/v) alginate precursor was conjugated with 

either arginine-glycine-aspartate (RGD) or tyrosine-isoleucine-glycine-serine-arginine (YIGSR) 

peptides, or mixture of RGD and YIGSR (1:2) and was bioprinted in this study. The printability 

of the composite PCSA scaffolds was tested in three different concentrations of crosslinker (i.e. 

50, 100, and 150 mM of CaCl2), and was evaluated by measuring strand width, pore geometry, 

and angle-formation accuracy. Swelling, degradation, and compression experiments were 

conducted over a 3 week period to evaluate the mechanical stability of the composite PCSA 

scaffolds. Scanning electron microscopic (SEM) images were taken to study the surface 

morphology of the degraded scaffolds. Biological performance was assessed both for single and 

composite PCSA scaffolds by quantifying the viability and morphology of seeded or 
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incorporated Schwann cells (SCs), amount of secreted brain derived neurotrophic factor (BDNF) 

by incorporated SCs, and directional neurite outgrowth of neuron cells in a 2D culture. 

Experimental results suggest that 30 kPa extrusion pressure and 18 mm/s needle speed are 

suitable to fabricate composite PCSA scaffolds with reasonable strand or pore printability 

(~0.95-1.0), and 50 mM CaCl2 facilitated better strand and pore printability than the two other 

concentrations. Captured SEM images demonstrate that all the composite PCSA scaffolds 

preserved the initial biofabricated porous structure over 3 weeks, but they lost ~70% of the initial 

elastic modulus. In terms of biological performance, composite PCSA scaffolds facilitated better 

viability and morphology of SCs, as well as supported superior directional neurite outgrowth 

compared to that of a single PCSA scaffolds.    

5.2 Introduction 

Peripheral nervous system (PNS) injuries lead to painful neuropathies, poor sensational 

responses, as well as reduced function in muscles and organs. Significant progress in tissue 

engineering research over the past decades has opened up the vast possibility to regenerate nerve 

tissue across a critical gap (> 2 mm) with biofabricated scaffolds [1]. In biofabrication, 

hydrogels, particularly sodium alginate (SA), has frequently been studied and considered as a 

suitable biopolymer for biocompatibility due in part to being hydrophylic [2]. However, SA 

lacks cell binding motifs in its molecular structure and has poor mechanical strength [3].  

A number of studies investigated the printability of SA or SA composites, as well as the 

mechanical property (i.e. swelling, degradation, elastic modulus, etc.) of SA scaffolds incubated 

in DMEM or physiologic buffer over a specific time points [4–6]. Several studies have used 

single PCSA (i.e. RGD, YIGSR, etc.) hydrogels to investigate its biological performance in 

tissue regeneration [7–9]. However, studies focusing the printability of composite PCSA 

precursors in ionic crosslinkers and the mechanical stability of composite PCSA scaffolds remain 

unexplored thus far. Preparation of composite PCSA is a multistage chemical process, and there 

is a possibility that the chemical treatment might alter the molecular structure, orientation, and 

physical properties of SA. Since these properties affect the mechanical stability, viscosity, and 

printability of hydrogels, a systematic study is required to characterize the composite PCSA 

precursor for their possible application in nerve tissue regeneration.       
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Since Schwann cells (SCs) play a significant role in axon regeneration by upregulating 

numerous biochemical signals and forming ‘band of Büngner’, the effect of single or composite 

PCSA scaffolds on the biological activity of SCs needs to be evaluated. Although some studies 

have investigated the effect of a single PCSA hydrogel on the biological function of SCs [10], 

the comparative studies between a single and composite PCSA scaffolds affecting the biological 

activities (e.g. 3D viability, morphology, cell processes length, and growth factor secretion) of 

SCs remains unstudied till now. But this type of study is required to understand the effectiveness 

of the conjugation of multiple peptides on the molecular chain of SA for nerve tissue 

regeneration.     

Stimulated neuron cells are more representative of in vivo dorsal root ganglion neurons 

after nerve injury compared to unstimulated neuron cells. Two-dimensional culture of stimulated 

neurons on PCSA strands closely simulates the in vivo neurite out growth through the developing 

growth cone. Although a number of studies have investigated neurite growth on patterned 

substrate [11,12], the study of stimulated neuron cell culture on a single or composite PCSA 

strands remains unexplored. Since nerve regeneration requires directional outgrowth of neurites, 

the effect of PCSA pattern on the directional growth of neurites needs to be assessed.  

In this study the printability of composite peptide (i.e. RGD and YIGSR) conjugated 2% 

SA precursor in three different concentrations of CaCl2, 50, 100, and 150 mM, were evaluated by 

comparing the bioprinted strand width, pore shape, and angular structure with theoretical or 

computer aided design (CAD) data. Mechanical stability, particularly swelling, degradation, and 

elastic modulus were measured by incubating the composite PCSA scaffolds in physiologic 

buffer (10 mM PBS) over 3 weeks. To investigate morphological changes, the degraded 

scaffolds were assessed by capturing SEM images. The 2D morphology of primary rat SCs 

(RPSCs) on RGD, YIGSR, and composite peptide-conjugated 2% SA hydrogel was studied over 

a 3-day culture period. The viability and morphology of RPSCs incorporated into PCSA strands 

was studied over a 7-day culture period. The amount of released BDNF by incorporated RPSCs 

in the PCSA strands over a 3-day culture period was measured using ELISA kits. To harvest 

stimulated neuron cells, the sciatic nerve was transected two days prior to sacrifice, and the 

harvested neuron cells were culture for 7 d on the PCSA strands to assess the directional neurite 

outgrowth.    
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5.3 Materials and methods 

5.3.1 Materials  

Medium-viscosity sodium alginate, MES buffer, NHS (N-hydroxysuccinimide), EDC (N-(3-

dimethylaminopropyl)-N’-ethylcarbodiimide hydrochloride), calcium chloride (CaCl2), PEI 

(polyethyleneimine), Tween 20, Hoechst 33342, mouse β-III tubulin and BSA (bovine serum 

albumin) were purchased from Sigma-Aldrich, ON, Canada. The GIBCO Life Technologies 

(Burlington, ON, Canada) was the supplier of calcium-free and standard DMEM media. For the 

immuno cytochemistry experiment, rabbit anti-S100 was purchased from Abcam (Eugene, OR, 

USA), whereas AF 488 anti-mouse IgG, 4', 6-diamidino-2-phenylindole (DAPI), and AF 555 

anti-rabbit IgG antibodies were procured from Thermo Fisher Scientific, MA, USA. In addition, 

calcein-AM (1 μg/ml), propidium iodide (10 μg/ml), RGD (GGGGRGDS), and YIGSR peptides 

were purchased from Anaspec (Freemont, CA, USA). 

 

5.3.2 Alginate modification 

In this study, single (YIGSR or RGD) and dual peptides were linked to sodium alginate molecule 

using covalent chemistry reported elsewhere [13]. For single peptide conjugate reactions, 1 mg 

RGD or YIGSR was added to per gram alginate, while for composite peptide conjugate reactions 

RGD and YIGSR was added to alginate maintaining 1:2 molar ratio. The RGD peptide was 

reported to affect the  adhesion and proliferation of PC12 cells, while the YIGSR peptide was 

found to regulate neuronal differentiation at an elevated density [14].  Therefore, in this thesis 

RGD and YIGSR peptide sequences have been covalently linked with alginate hydrogel (Fig. 

5.1) maintaining a 1:2 molar ratio to enhance the axon outgrowth.  

 

Fig. 5.1 Schematic of peptide conjugation with sodium alginate using carbodiimide chemistry 

Initially, an alginate solution (1% w/v) was sterilized using 0.2 µm filter (Thermo Scientific 

Nalgene), and freeze dried for 48 hours. The freeze-dried alginate was dissolved in water 
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containing 0.1 M MES buffer and 0.3 M NaCl. The pH of the solution was maintained at 6.5 for 

optimal reaction kinetics for binding peptides to alginate molecules. Sulfo-NHS, a stabilizer for 

covalent reactions, was added in the solution, maintaining a ratio of 1:2 to EDC. A magnetic 

stirrer was used to mix the sulfo-NHS with the alginate solution for 20 minutes. EDC was added 

next to activate 40% of the available uronic acid residues on the alginate molecules in the 

solution (300 mg EDC/ g alginate), and stirred for 10 minutes. After sufficient mixing, the 

peptides were added to the solution, and the covalent reaction was allowed to proceed for 48 

hours at 20°C under mild stirring. To eliminate the reaction by products, salt, buffer, and any 

unwanted molecules, the experimental solution was dialyzed with Spectra/Por dialysis tubing 

(MWCO 12-14000). In the dialysis process, 40 liters of deionized water was used to increase the 

purity of peptide-alginate conjugate over a period of 5 days. The final step was to freeze dry the 

dialysed solution, and resolubilize the modified alginate as required. 

 

5.3.3 Preparation of rat primary Schwann cells (RPSCs) 

To harvest RPSCs, the sciatic nerve was isolated from Sprague-Dawley rats, the epineurium was 

dissected off, and the denuded nerve was cut into small segments. All  

the surgical procedures of rodents were conducted as per the approval of the University 

Committee on Animal Care and Supply (University of Saskatchewan). The segments were 

digested in collagenase (1 μg/ml) at 37°C for 1 h, and then the digested solution was filtered to 

remove the ECM debris. To stimulate Schwann cell proliferation and inhibit fibroblast growth, 

the filtered cells were culture in Dulbecco’s Modified Eagle Medium (Saint Louis, MO, USA) 

containing D-valine, 10% fetal bovine serum, forskolin, and bovine pituitary extract added N-2 

supplement [15]. Immunofluroscent assays with S-100 and DAPI were used to evaluate the 

purity of the collected cells (i.e. RPSC) in culture. The cultures were incubated in a tissue culture 

dish (Thermo Fisher Scientific, Rochester, NY, USA) at 37 °C in a 5% CO2-enriched humidified 

incubator to achieve 100% confluency.  

After reaching 100% confluency, RPSCs were detached from the tissue culture plate 

using 1 ml 0.25% Trypsin/EDTA (Invitrogen) and suspended in 10 ml DMEM supplemented 

with 10% fetal bovine serum. To prepare sufficient density, the cell suspensions were transferred 

to 50 ml centrifuge tubes (Falcon®, Mexico) and centrifuged for 5 min at 800 rpm while 

maintaining 4°C. The cell pellet was resuspended in 250 µl DMEM, and the cell concentration 
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was determined using a haemocytometer. The cell density was adjusted by adding an appropriate 

amount of DMEM to achieve the desired density for 2D and 3D culture. For 2D and 3D RPSC 

culture, cell density was maintained as 2.5 x 104 cells/cm2 and 2 x 105 cells/ ml hydrogel, 

respectively.  

 

5.3.4 Bio-fabrication of scaffold  

A pneumatic 3D Bioplotter (EnvisionTEC, Germany) was used in this study to print 2D pattern 

as per a predefined design. CAD software was used to develop a cuboid shape (10 mm x 10 mm 

x 5 mm) with 1 mm interstrand distance. To study Schwann cell viability in the bio-printed 

strand, double-layered grid patterns were fabricated by alternating perpendicular layers. The 

pattern was printed on a 12-well tissue culture using a 200 µm tapered needle. The developed 

flow rate model in chapter-3 was effective enough to predict the flow rate of the PCSA precursor 

from the extrusion needle. The needle speed and dispensing pressure were maintained as 18 

mm/s and 0.3 bar, respectively, in printing alginate (2% w/v) strands. Calcium-free DMEM 

solution was used to prepare a 2% (w/v) solution of pure alginate or peptide conjugate alginate. 

To prepare alginate/cell mixture, RPSCs were trypsinized upon 100% confluency, and then 

thoroughly mixed with alginate (2% w/v) solution keeping cell density as 2 x 105 cells/ml. To 

study neurite extension from neuron cells, single layered patterns were bioprinted in each well of 

a 12 well tissue culture plate.   

 

Alginate doesn’t attach to bare tissue culture plates. To enhance the adhesion property, 1 

ml PEI (0.1% w/v) was added in each well of a 12 well plate, and incubated overnight at 37°C 

with 5% CO2. Before printing, the PEI solution was aspirated from the well, and three successive 

wash was conducted with 10 mM PBS. Then, 1 ml CaCl2 (50 mM) solution was dispensed in 

each well to serve as a crosslinker. The 2D pattern was printed into the CaCl2 solution where the 

Ca2+ rapidly crosslink the hydrogel precursor. The printed cell/alginate mixture was kept in the 

crosslinker solution for 2 minutes to promote uniform crosslinking. Following crosslinking, the 

CaCl2 solution was aspirated from the well, and the pattern was washed with 10 mM PBS. One 

milliliter of cell culture media (90% DMEM + 10% FBS) was added to each well of the tissue 

culture plate, which was then placed in an incubator.  
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5.3.5 Assessment of printability  

To evaluate 2D and 3D printability, peptide-modified alginate scaffolds were printed maintaining 

various extrusion pressure (i.e. 20, 30, and 40 kPa) and linear needle speed (i.e. 6, 8, 10, 12, 14, 

16, 18, 20, 22, 24, and 26 mm/s). The concentration of hydrogel precursor was kept as 2% (w/v), 

while the concentration of CaCl2 solution was varied between 50-150 mM. Printability of 

composite PCSA strands were evaluated in terms of strand width, interstrand distance, pore 

geometry, and interstrand angle. These parameters were compared with expected or CAD 

generated geometry. The expected strand width as per [16]: 

Ds = √
4𝑄𝑡

𝜋𝑉𝑛
      (5.1) 

where Ds, Vn and Qt represent strand width, linear needle speed, and volumetric flow rate of 

hydrogel precursor, respectively. Similarly, printability of a square pore was calculated as per 

[17]: 

 

PA =  
𝑃𝑟

2

16𝛽
      (5.2) 

 

 

where PA, Pr, and β represent the pore printability, perimeter of a pore, and area enclosed inside a 

pore, respectively. To measure the printability of alginate strands in an angular fashion, strands 

were printed at interstrand angles of 27°, 45°, and 60° that were assigned in the CAD program. 

The printability of strand width, interstrand gap and angular geometry were measured as 

following: 

PD =  
𝐷𝑇 − 𝐷𝐸

𝐷𝑇
  x 100%    (5.3) 

where PD, DT, and DE represent dimension printability, theoretical dimension, and 

experimentally obtained dimension, respectively. A fluorescent microscope (Carl Zeiss Axiovert 

100) was used to capture the images of printed strands from random spot and the best 

representative images were selected for demonstration and calculation purpose. All the 

dimensions were precisely measured using ImageJ software (National Institutes of Health, 

Bethesda, Maryland, U.S.A.) and at least three replicates were maintained for each experiment 

for statistical significance.  
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5.3.6 Swelling, degradation and compression test  

To assess the swelling characteristics of composite PCSA scaffold, 10 mM phosphate buffered 

saline (PBS) was used in this study. Briefly, after 3D printing the scaffolds were immersed in 2 

ml PBS and incubated in CO2 at 37°C for predetermined time intervals. In particular, swelling 

was measured at 1, 2, 3, 24, 48, 168, and 336 hours after removing the free buffer from the 

scaffold pores by blotting with Kimwipes™ using the formula;  

 

SI = 
𝑀𝑡− 𝑀0

𝑀0
  x 100      (5.4) 

where SI, Mt, and M0 represent swelling index, wet weight of scaffolds at time intervals (t), and 

initial wet weight of scaffolds, respectively. To obtain the initial weight, the scaffolds were taken 

out from crosslinker immediately after fabrication, blotted with Kimwipes™, and weighed on 

scale. For each time point, swelling data was collected for three replicates.  

 

 Scaffold degradation was measured by incubating them in 10 mM PBS solution for 

particular time points. All the scaffolds were freeze-dried for 2 days and then weighed to obtain 

initial mass. The freeze-dried scaffolds were immersed into 2 ml PBS and incubated at 37°C in 

5% CO2 for 3, 7, 14, and 21 days. At the scheduled time point, the scaffolds were collected, 

further freeze dried and weighted to obtain the final weights. The scaffold degradation in terms 

of percentage mass loss was calculated using: 

 

ML = 
𝑀0− 𝑀𝑡

𝑀0
  x 100      (5.5) 

where ML, M0, and Mt represent percentage (%w/w) mass loss, initial freeze-dried mass and 

freeze dried mass at specific time points (t), respectively. To evaluate statistical significance, 

degradation data was collected for three replicates.   

To assess the elastic modulus of 3D printed scaffolds incubated in physiological buffer 

(i.e. PBS) for different time period, compressive force was applied to the scaffolds using a 

texture analyzer machine (Texture Technologies, MA, U.S.A.). Briefly, after 3D fabrication the 

scaffolds were immersed into 2 ml PBS and incubated at 37 °C in 5% CO2 for a period of 7, 14, 

and 21 days. The scaffolds were taken out of the 12-well tissue culture plate at scheduled time 
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intervals, excess buffer solution was blotted with Kimwipes™, and the scaffolds positioned 

between the probes of texture analyzer machine to measure the elastic modulus. The scaffolds 

were compressed up to 20% of their original thickness while maintaining a uniform probe speed 

of 0.01 mm/s. For each time interval, compression testing was conducted on three replicates to 

evaluate the statistical significance. The data obtained from texture analyzer machine was of 

compressive force versus deformation, and dividing them by area and height result in applied 

stress versus strain. To obtain the area and height, the images of the associated scaffolds were 

captured, and processed with ImageJ software. The slope of stress versus strain curve up to yield 

point was considered as Young’s modulus.  

5.3.7 Scanning electron microscopy (SEM) 

To assess the surface morphology of scaffolds at different time points (i.e. day 0, 14, and 21), 

scanning electron microscopic images were captured using a SEM machine (Hitachi SU8000, 

Japan). Briefly, the scaffolds were collected at different time intervals and freeze-dried for 2 

days, then positioned on carbon tape attached SEM stubs, and coated with 10 nm gold layers 

(Q150T, Quorum Technologies, U.K.). Microscopic images were captured from arbitrary sites 

on the scaffolds at 5 kV machine voltage and the most representative images of the surface 

morphology are shown in this study for qualitative analysis. 

5.3.8 Preparation of 2D surface and RPSC culture 

The 2D alginate surface was prepared on round glass coverslips. To prepare the coverslips, 1 ml 

PEI (0.1% w/v) was used to coat the 2D surface overnight at 37°C in an incubator. The PEI was 

aspirated, and slides were washed with 10 mM PBS buffer. 100 µl (2% w/v) of RGD, YIGSR, 

and RGD/YIGSR-conjugated 2% alginate, and 2% pure alginate precursor were dispensed on the 

cover glass. The hydrogel precursor was crosslinked with 50 mM CaCl2 for 1 hour to obtain a 

flat 2D surface. To prepare a positive control, 1 ml PLL solution was dispensed into each well of 

a 12-well plate and kept in an incubator (37°C) overnight to ensure coating. Prior to cell culture, 

PLL was aspirated from the well, and 10 mM PBS buffer was used to wash the well properly. 

RPSC were seeded on the top of 2D surface and cultured for 3 days at 37 °C in a 5% CO2 

enriched humidified incubator. 
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5.3.9 Cell viability study  

Viability of Schwann cells incorporated in the bioplotted strand was assessed using a live and 

dead cell staining assay at day 0, 3, and 7. On the scheduled period, culture media (90% 

DMEM+10% FBS) was aspirated from 12-well plate, and the culture plate was washed two 

times with 10 mM PBS. Then 1 ml fresh culture media containing 2 µl of propidium iodide (5 

μg/ml) and calcein-AM (1 μg/ml) were added in the each well of culture dish. The culture was 

incubated for two hours at 37°C with 5% CO2. Prior to imaging, culture media was aspirated, 

and each well was washed thoroughly with 10 mM PBS three times to get rid of the free staining 

agent. Using a fluorescent microscope (Axiovert 100, Zeiss), multiple images were taken at 

different depths at selected spots in the bioplotted strands. The best representative spot of the 3D 

culture in the strands was chosen to evaluate the cell viability. ImageJ (National Institutes of 

Health, MD, USA) software was used in stacking the multiple images and measuring total dead 

and live cell population. The cell viability was calculated using the equation:  

V (%) = 
𝐶𝐿

𝐶𝐿+𝐶𝐷
 x 100,    (5.6) 

where CL, CD, and V represent the live cells, dead cells, and viable cells, respectively. 

5.3.10 BDNF-release assessment   

Assaying of the release of brain-derived neurotrophic factor (BDNF) was conducted in this study 

with an ELISA kit (BDNF Emax® ImmunoAssay Systems - Promega Corporation, USA). A 96-

well ELISA plate was coated with anti-BDNF mAb in carbonate buffer overnight at 4°C. The 

coating solution was flicked out, and the wells were washed with TBST wash buffer. To block 

the nonspecific binding sites on the well, blocking buffer was added in each well and incubated 1 

h at room temperature. Following well blocking, the blocking solution was flicked out properly 

and TBST buffer was used to wash the wells. To prepare standard curve, two rows of wells were 

used. Diluted BDNF standard (500 pg/ml) was added to the first well of each row and 1:2 serial 

dilutions were conducted down to the last well of each row. To prepare test samples, printed 

strands of Schwann cells (2 x 105 cells/ml) incorporated into various alginate-peptide 

combination hydrogels were cultured for 3 days. For a particular sample, scaffold was fabricated 

dispensing 100 µl PRSC/biopolymer mixture using a 3D bioplotter. At least 3 scaffolds were 

printed in a 12-well tissue culture plate for a specific sample. For positive control (i.e. PLL-

coated plate), 2 x 104 PRSCs were seeded and conducted 2D culture for 3 days. Since BDNF 

https://www.promega.com/products/imaging-and-immunological-detection/elisas-and-antibodies/bdnf-emax-immunoassay-systems/
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demonstrates a short half-life, a long period of RPSCs culture might not significantly enhance 

the amount of released BDNF in the hydrogel. Accordingly, in this study a 3 day culture period 

of RPSCs was chosen instead of 7 days. From each culture, 100 µl of supernatant was collected 

and added in the nonspecific sites blocked wells of ELISA plate. BDNF-standard- and test-

sample-loaded wells were incubated in a shaker at room temperature for 2 h. After 5 successive 

washes, diluted Anti-Human BDNF pAb in block buffer was added in each well and the ELISA 

plate was incubated in a shaker at room temperature for 2 h. The wells were vacated through 

flicking out the added solution followed by 5 consecutive washes. Then diluted Anti-IgY HRP in 

block buffer was added in each well and the ELISA plate was incubated in a shaker at room 

temperature for 1 h. Finally, after flicking out the solution and sequential washing of the wells, 

100 µl TMB one solution was added to each well. The ELISA plate was incubated at room 

temperature in a shaker for 10 m, then the reaction was terminated by adding 100 µl 1 N 

hydrochloric acid to each well. The absorbance of yellow colour by the solution in each well was 

measured with a plate reader at 450 nm wave length.   

5.3.11 Dorsal root ganglion (DRG) harvest, culture and immunocytochemistry  

To stimulate the growth of the DRG neurons, the left sciatic nerves of the rats were lesioned two 

days prior to sacrifice (Fig. 5.2). Fifteen male Sprague-Dawley rats (weight 250-300 g) were 

randomly distributed into 3 groups (n = 5), and all received the following procedure. To prepare 

for the surgical procedure, 1.5 – 2% isoflurane was used to anesthetize the rats, and the flow rate 

of isoflurane and oxygen was maintained as 0.8 to 1 L/min. During the procedure, a skin incision 

was made along the femoral axis, then blunt dissection of the underlying muscles was conducted 

to reach the sciatic nerve, and then the nerve was transected. At the end of the procedure, 4-0 silk 

was used to close the incision in the skin. All the surgical procedures were conducted under 

sterile conditions. The animals were given analgesic buprenorphine injections (0.05 mg/kg) 

every 8 hours for 2 days post operatively. Two days after the surgery, all the animals in the 

groups were sacrificed. 
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Fig. 5.2 Sciatic nerve transection to stimulate DRG neurons; (a) sciatic nerve tansection of a 

Sprague-Dawley rat, (b) schematic of transected sciatic nerve and associated DRGs. 

The dorsal root ganglia of the sciatic nerve plexus (L4-L6) were excised from the rats, 

collected in L15 media, and spun at 800 rpm for 5 minutes to collect the DRG pellets. To 

dissociate the neurons in the DRGs, the pellets were incubated with collagenase (1 μg/ml) for 1 h 

at 37°C, triturated using a series of serum-coated Pasteur pipettes having large to narrow 

openings, and further treated with trypsin (0.75 μg/ml) for an extra 30 min. Then cold horse 

serum was added to quench trypsin activity, a 100 µm cell strainer was used to filter the ECM 

debris, and 15% bovine serum was added to form a layered cell suspension. After spinning the 

suspension at 850 rpm for 20 min, the supernatant was aspirated to isolate the neuron cell pellet, 

and DMEM was added to resuspend the neuron cell population. Finally, 1000 neuron cells were 

seeded on each single-layered alginate-peptide scaffold incorporated with SCs and cultured for 7 

days in DMEM with 10% horse serum. PLL-coated wells seeded with neuron cells at the same 

density were used as a positive control. In fact, the co-culture of neuron cells and RPSCs was 

conducted incorporating RPSCs inside the 3D bioprinted strands and seeding neuron cells on the 

top of the strands. 
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 To conduct immunocytochemistry, after 7 days, the media was aspirated from tissue 

culture well, and the cultures were thrice thoroughly washed with 10 mM TBS. Cold methanol 

(−20 °C) was used to fix the cultures for 2 h. After fixation, methanol was aspirated and the 

cultures were rinsed properly with TBS. Then the cultures were treated with blocking solution 

(10 mM TBS ,0.5% bovine serum albumin, 2% horse serum, 0.05% Tween 20) for 2 h at room 

temperature to prevent background staining. Primary antibody rabbit anti S-100 and mouse anti-

βIII tubulin (1:1000; Sigma Aldrich) were added to the blocking solution to bind with specific 

proteins expressed by Schwann cells and axons, respectively, and incubated for 2 h at room 

temperature. To remove any remaining free antibodies, the cultures were thoroughly rinsed five 

times by immersing the scaffolds in TBS for 10 m each time. Blocking solution containing two 

secondary antibodies and DAPI (1 μM) was added next and incubated for 2 h at room 

temperature to fluorescently stain the Schwann cells, axons, and nuclei, respectively; 

specifically, Alexa Fluor 488 goat anti-mouse and Alexa Fluor 555 goat anti-rabbit 

immunoglobulin (1:500; Thermo Fisher Scientific) were used as secondary antibodies. Then the 

samples were washed thoroughly five times with TBS, and mounted on glass slides using 

ProLong Gold antifade mountant (Thermo Fisher Scientific). Confocal laser scanning 

microscopy (Leica SP5, Germany) was used to capture 2D images layer-by-layer. OrientationJ 

and NeuronJ were used to assess the orientation and length of neurites on the patterned scaffold.  

 To study Schwann cell processes in a 3D scaffold, a similar protocol was followed to 

conduct the immunocytochemistry, where mouse anti S-100 and Alexa Fluor 488 goat anti-

mouse were used as primary and secondary antibody, respectively. A fluorescence microscope 

(Axio Imager M1, Zeiss) was used to capture 2D images. For a particular location, 2D images 

were captured successively at different height. Three-dimensional images were built by stacking 

multiple the 2D images with ImageJ software. For each experiment, images were captured from 

random locations, and the best representative images were shown in this study.  

 

5.3.12 Statistical significance 

To measure statistical significance between two sets of data, Student's t-test was conducted with 

Graph pad Prism 5.0a software (GraphPad Software, San Diego, CA, USA). A cut-off of pb < 
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0.05 was used to determine statistical significance. Experimental results were presented as the 

mean and standard deviation (SD) of the calculated data. 

 

5.4 Results  

5.4.1 Printability of double layered pattern   

Experimental results suggest that extrusion pressure and needle translation speed regulate the 

strand width and printability of hydrogel precursors in ionic crosslinkers. For a particular 

extrusion pressure, the strand width decreases with the increase of needle translation speed (Figs. 

5.3(a-c)). At a particular extrusion pressure, biofabrication seems to be possible for a range of 

linear needle translation speed. Below or above the limit, excess accumulation or inadequate 

build-up of biopolymer on the printing surface results in fabrication complexities (Figs. 5.3(d-

e)). 

The effects of extrusion pressure and needle translation speed on strands printability in 

terms of the overall structure and strand width have been presented in Figs. 5.3(f- n). In this 

study, printed strands demonstrated nonuniformity in width along the direction of fabrication. 

Two-dimensional scaffold printability was measured by comparing strand width at the 

intersections, strand width between intersections, as well as the pore shape to the theoretical 

values. As the dimensions of bioprinted scaffolds approach the theoretical value, the printability 

value becomes 1. Since the experimental value always differs from the theoretical one, in this 

study the acceptable value of printability has been considered as 1 ± 0.1.  

In this study, keeping the concentration of CaCl2 constant (i.e. 50 mM), three different 

extrusion pressures (i.e. 20, 30, and 40 kPa) were applied to print 3D patterns of 2% (w/v) 

composite PCSA precursor using a 200 µm needle. A minimum dispensing pressure of 20 kPa 

was chosen to avoid fabrication problems in the 3D scaffolds. At an extrusion pressure of 20 

kPa, the strand printability at the intersection was measured as ~ (0.90-0.95) for needle 

translation speeds of 6 and 10 mm/s, while ~ (0.8 - 0.9) printability was noticed for 8, 12, and 14 

mm/s needle translation speeds (Table 5.1). However, the strand printability between the 

intersections was inferior ~ (0.7- 0.85) for all speeds compared to at the intersections. In contrast, 

the pore shape printability was superior ~ (0.95-1) to both the strand width measured at the 
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intersections and between intersections. At this pressure, scaffold fabrication seemed possible for 

needle translation speeds between 6 to14 mm/s.  

At an elevated extrusion pressure (i.e. 30 kPa), reasonable strand printability ~ (0.9 - 1.1) 

was identified at the intersections and between intersections for 18 and 20 mm/s needle 

translation speeds, respectively, with 18 mm/s seeming to be ideal for all values. The scaffold 

pores were close to a perfect square and showed a reasonable printability value ~ (0.95 to 1.05) 

for 14-18 mm/s needle translation speed. However, 30 kPa pressure allowed biofabrication only 

for 12-20 mm/s linear needle translation speed. Further increasing the extrusion pressure to 40 

kPa constricted the range of needle translation speed to 22-26 mm/s, for which 3D scaffold 

fabrication is possible. At this pressure, strand printability at the intersections and between 

intersections were calculated as ~ (0.8 -1.2) and (0.9-1.35), respectively. In particular, strand 

printability becomes unpredictable at elevated needle translation speeds. The pores generated at 

these faster speeds demonstrated unsatisfactory printability (~ 0.8-0.9).  
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Fig. 5.3 Two-dimensional printability of RGD/YIGSR-alginate conjugate precursor: (a-c) 

microscopic images of alginate strands bioprinted using various pressures, (d) printable and non-



144 
 

printable structures at 30 kpa extrusion pressure and different needle speeds, (e) plot representing 

the range of printable and non-printable pressures at the elevated needle speeds, (f, i, and l) 

strand printability between intersections at extrusion pressures 20, 30, and 40 kPa with respect to 

various needle translation speeds, (g, j, and m) strand printability at intersections at extrusion 

pressures 20, 30, and 40 kPa with respect to various needle translation speeds, and (h, k, and n) 

pore printability at extrusion pressures 20, 30, and 40 kPa with respect to various needle 

translation speeds. 

Strand and pore printability at different extrusion pressures and needle translation speeds 

that fall in the range of reasonable printability (0.9 to 1.1) has been highlighted in the results 

listed in Table 5.1. For extrusion at 20 kPa, the strand width and pore shape were found to be 

under printed (i.e. ˂1) at all needle translation speeds calculated using formula (1). In contrast, at 

pressures of 30 and 40 kPa, the strand widths and pore shape were found either under or over 

printed (i.e. ˂1 or >1) at different needle translation speeds (Table 5.1). These results suggest 

that both needle translation speed and extrusion pressure affect the dimension of bioprinted 

strands. However, 40 kPa resulted in non-uniform strands that led to poor printability (Figs. 

5.3(l-n)). Table 5.1 suggests that only extrusion pressure at 30 kPa and needle translation speed 

of 18 mm/s ensure outstanding strand and pore shape printability. Therefore, the pressure and 

needle translation speed are recommended to fabricate the composite PCSA scaffolds with 200 

µm needle.  
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Table 5.1 Strand width printability with various extrusion pressures and needle translation 

speeds (highlighted data in red represents reasonable printability ranging 0.9 to 1.1) 

 

 

 

5.4.2 Printability of angular pattern  

Biofabrication of complex structure or organ often requires extrusion of the hydrogel precursor 

in an angular fashion [4]. Therefore, in this study, angle printability of composite PCSA 

precursor was evaluated with respect to CAD data using formula (3). Since extrusion pressure at 

30 kPa and needle translation speed at 18 mm/s resulted in superior strand printability, strands 

were printed using this pressure and speed in the 50 mM CaCl2 solution. Under these conditions, 

no overlap or accumulation was noticed at the intersections (Figs. 5.4(a-d)). The angle 

printability was measured as 1.073 ± 0.12, 1.03 ± 0.03, 1.047 ± 0.06, and 1 ± 0.02 for 27°, 45°, 

60°, and 90° angles that were assigned in the CAD parameters, respectively. Compared to 

strands at right angles, strands extruded at acute angles showed more deviation from the CAD 

parameters (Fig. 5.4(e)). However, all the angles printed with the alginate solution demonstrated 

reasonable printability (~1±0.1).  



146 
 

 

Fig. 5.4 Printability of RGD/YIGSR-alginate conjugate strands with respect to angular geometry 

(a-e), and varying concentration of CaCl2 (f-m)  
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5.4.3 Printability into ionic crosslinker  

Although, 30 kPa extrusion pressure and 18 mm/s needle translation speed have been identified 

as the ideal parameters for printing 3D pattern in the 50 mM CaCl2 solution, printing the pattern 

in an elevated concentration of CaCl2 solution requires further adjustments of the extrusion 

pressure and needle translation speed. It has been observed that 2% (w/v) composite PCSA 

precursor is printable in 50, 100, and 150 mM CaCl2 solution only at 20 kPa extrusion pressure 

and 6-12 mm/s needle translation speed. Accordingly, to assess the strand and pore printability of 

the composite PCSA precursor in the three different concentration of CaCl2 solution, 20 kPa 

extrusion pressure and 6, 8, 10, and 12 mm/s needle translation speeds were used as the printing 

parameter for strand fabrication. 

 In this section, the printability of composite PCSA precursor extruded into three different 

concentration of CaCl2 (50, 100, and 150 mM) was evaluated by measuring pore shape and 

strand width and using formulas (1) and (2). Experimental results show that both the 

concentration of CaCl2 and the needle translation speed affect the pore geometry and strand 

width in the biofabrication process for a given extrusion pressure (Figs. 5.4 (l, m)). In particular, 

strand widths were seen to reduce as a result of an increase in the needle translation speed and 

changes in CaCl2 concentration (Figs. 5.4 (f-k)). 

When the alginate solution was extruded into 50 mM CaCl2, it demonstrated reasonable 

strand printability (~0.9-0.95) compared to both 100 and 150 mM CaCl2. Bioprinting the alginate 

precursor into 100 mM CaCl2 with a needle translation speed below 6 mm/s might enhance the 

strand printability. However, biofabrication of large tissue constructs at lower speeds is time 

consuming, and thus the viability of the incorporated cell population might be significantly 

compromised due to a prolonged time with no growth media. Biofabrication of alginate 

precursor in a 150 mM CaCl2 solution seemed possible for only 6 and 8 mm/s needle translation 

speed. Below this limit, the extruded alginate solution was found to gel around the needle before 

settling down on the printing plate due to the rapid crosslinking property of the CaCl2 solution.  

The concentration of the CaCl2 solution also affects the pore shape of the double-layered 

alginate scaffolds. CaCl2 at different concentrations influences the dimensional uniformity of the 

extruded strands and thus affect the pore geometry. Of the three concentrations of ionic 

crosslinkers, 50 mM CaCl2 facilitated the best printability ~ (0.95-1) of porous structures.  
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5.4.4 Printability of 3D structure  

Extrusion-based systems biofabricate complex 3D structures in a layer-by-layer fashion as 

shown in Fig. 5.5(a). Simple to complex 3D structures were bioprinted in this study to evaluate 

the printability of a peptide-modified alginate solution (2% w/v). There are several challenges 

associated with hydrogel polymers in the biofabrication of large tissue constructs. Low viscosity 

alginate strands might spread upon extrusion and then shrink when crosslinking. Therefore, the 

distance between the tip of the needle and the previously printed strands increases with height. If 

the gap exceeds critical limit, then the extruded polymer floats away before settling down on the 

previous layer, damaging the scaffold. Further, fabrication of large tissue construct requires 

stable temperature and concentration of crosslinkers over the entire fabrication period to avoid 

viscosity and swelling-associated complexities. Simple cuboid-, cylinder-, and prism-shaped 

structures were bioprinted using 30 kPa extrusion pressure and 18 mm/s needle translation speed. 

To further evaluate the printability of complex structures, lung and kidney shapes were 

bioprinted using the same pressure and needle translation speed (Fig. 5.5(b)). Therefore, it seems 

that peptide-modified alginate precursors are a useful biopolymer in biofabricating both simple 

and intricate 3D structures. 
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Fig. 5.5 Biofabrication of scaffolds with extrusion-based technique; (a) schematic of hydrogel 

biofabrication, (b) biofabricated 2D and 3D structures for simple to complex structure, and the 

associated CAD images 
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5.4.5 Evaluation of mechanical stability  

To evaluate the changes in mechanical performance of RGD and YIGSR peptide conjugated 2% 

(w/v) SA scaffolds in the physiologically relevant environment swelling, degradation and 

compression assessments were conducted in this section. The associated plots were presented in 

Figs. 5.6 (a-c). All of the composite PCSA scaffolds swelled and lost porous structure over 21 

day incubation period when immersed in 10 mM PBS solution (Fig. 5.6(d)). The percentage of 

scaffold swelling after 1, 2, 3, and 24 hours were measured as 470.9 ± 24.2, 515.7 ± 22.07, 539.6 

± 17.86, and 584.4 ± 15.06, respectively. The data suggest that remarkable swelling took place in 

the first hour, and then the scaffolds swelled at a slower rate until hour 24. The swelling 

percentage started to fall at 48 hours (551.7 ± 17.43), and declined radically between hours 48 

and 168 (551.7±17.43 and 397.9±23.82, respectively.  The swelling rate between hours 3 to 24 

and hours 168 to 336 seems to be identical but opposite in magnitude, probably indicating the 

saturation and drop of scaffold degradation, while the rapid loss of swelling rate between hours 

48 to 168 suggests severe surface and bulk degradation of the scaffolds. The swelling graph in 

Fig. 5.6(a) further demonstrates that significant change in swelling took place between hours 1 to 

3 and hours 3 to 24, and hours 48 to 168.    

The percentage of weight loss of the scaffolds at day 3, 7, 14, and 21 was calculated as 

10.45 ± 3.746, 18.33 ± 2.665, 40.64 ± 6.777, and 52.63 ± 3.689, respectively. The degradation of 

scaffolds over time has been presented graphically in Fig. 5.6(b). The degradation of the 

scaffolds from day 3 to 7 and day 14 to 21 seem to happen approximately at the same rate, while 

the degradation of the scaffolds between days 7 to 14 occurred at an accelerated rate. However, 

between day 3 to 7 and 7 to 14, statistically significant degradation took place. In particular, all 

the scaffolds lost approximately 20%, 40%, and 55% of their initial mass after 1, 2, and 3 weeks, 

respectively, when incubated in PBS.  

The compression modulus was assessed over 3 weeks after incubating the scaffolds in 

PBS, and is presented graphically in Fig. 5.6(c). The Young’s modulus was measured as 40.3 ± 

2.227, 23.7 ± 3.494, 14.67 ± 3.587, and 14.47 ± 2.744 kPa at day 0 (i.e. immediately after 

fabrication), 7, 14, and 21, respectively. All the scaffolds seem to lose Young’s modulus at a 

rapid rate between day 0 to 7, then the rate slowed down a bit between day 7 to 14, and finally 

reached equilibrium between day 14 to 21. The biofabricated scaffolds lost ~50% of their 
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Young’s modulus in the first week, and an additional ~20% of their Young’s modulus by the 

following week while incubating in PBS. Statistical analysis suggests that scaffolds lost elastic 

modulus significantly between days 0 to 7 and days 7 to 14. 
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Fig. 5.6 Assessment of mechanical stability and surface morphology of RGD/YIGSR-alginate 

conjugate scaffolds after PBS incubation at predetermined time points: (a) swelling ratio; (b) 

degradation percentage; and (c) Young’s modulus; SEM images of scaffolds at (d) day 0, (e) day 

14, and (f) day 21, respectively. 

5.4.6 Evaluation of surface morphology  

Surface morphology of RGD and YIGSR peptide conjugated 2% (w/v) SA scaffolds incubated in 

PBS was assessed with SEM images (Figs. 5.6 (e-g)). The Figs. 5.6(e-g) demonstrates macro- 

and microscale changes on the surface of the composite PCSA strands over a period of 3 weeks 

of incubation. The images demonstrated that over time, the strand surface became micro-porous 

probably due to the effect of surface and bulk degradation. Interestingly, the biofabricated pores 

were still evident in the scaffolds after 3 weeks of incubation in PBS. However, structural 

integrity seems to have been compromised over the incubation period.  

5.4.7 Assessments of RPSCs morphology in 2D culture  

Cell morphology was studied on prepared 2D surfaces for positive control, negative control, and 

experimental groups using PLL, SA, and PCSA hydrogel coatings, respectively, on round 

coverslips which are shown in Fig. 5.7(a). During the culture period, most of the RPSCs seeded 

on the SA surface maintained circular morphology and formed clusters (Fig. 5.7(c)). In contrast, 

RPSCs did not form clusters on PLL (Fig. 5.7(b)) and PCSA (Figs. 5.7(d-f)) surfaces, rather the 

cells started to spread over the 2D surface, attached well to the polymer, and developed 

elongated morphology. Notably, RPSCs cultured on single-PCSA-coated surfaces showed a 

small number of cells with unipolar, bipolar, and multipolar morphology. In contrast, RPSCs 

cultured on PLL- or composite PCSA-coated surfaces showed a significant number of cells with 

unipolar, bipolar, and a multipolar morphology. Measuring the response of RPSCs to the 

peptide-modified alginate demonstrated that the modified alginate was superior in promoting 

suitable cell morphology over unmodified alginate, and these results are shown in Figs. 5.7(g-i). 

The number of attached cells per 0.06 mm2 on the composite PCSA surface was 80.33 ± 8.96, 

which was close to the attached cell population (i.e. 89.67 ± 4.73) on the positive control. 

YIGSR-alginate conjugate (YCSA) supported higher number of cell (80 ± 4) attachment 

compared to that of RGD-alginate conjugate (RCSA) surface (73.33 ± 4.16). Accordingly, cell 

attachment on the composite PCSA, YCSA, and RCSA surface was significantly higher than the 
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negative control. Interestingly, of the three experimental groups, cell attachment was 

significantly low on RCSA surface related to positive control.    

The cell circularity measured on the RCSA, YCSA, and composite PCSA surface were 

0.54 ± 0.04, 0.8333 ± 0.06, and 0.4333 ± 0.08, respectively, which was significantly lower than 

the negative control (0.9733 ± 0.02). The cell circularity value was significantly higher on YCSA 

surface compared to RCSA, composite PCSA, or PLL coated surface (0.46 ± 0.04). Notably, 

RPSCs showed identical morphology on composite PCSA surface and positive control. The cell 

processes grew on RCSA and YCSA surface were 10.23 ± 0.454 and 4.277 ± 0.323 µm, 

respectively, which were shorter than the processes grown on positive control (16.82 ± 2.396 

µm). Statistically, the length of cell processes on YCSA surface was significantly shorter than 

both the RCSA and the composite PCSA surface (20.95 ± 2.481 µm). Remarkably, RPSCs 

cultured on the composite PCSA surface grew longer processes than positive control and 

significantly longer than RCSA surface. As Schwann cells did not develop processes in 

unmodified alginate, this substrate is not included in Fig. 5.7 (i).   
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Fig. 5.7 2D culture of primary rat Schwann cells on various polymer-coated round coverslips; (a) 

top view of cells growing on polymer-coated surface after 3 days of culture, (b) PLL coated, (c) 

alginate coated, (d) RGD-alginate conjugate coated, (e) YIGSR-alginate conjugate coated, (f) 

RGD-YIGSR-alginate conjugate-coated surface, (g) number of attached cells, (h) circularity of 

the adherent cells, and (i) length of cell processes. (*pb < 0.05; **pb < 0.01, ***pb < 0.001, 

****pb < 0.0001) 

 

5.4.8 Assessments of RPSCs viability in 3D culture  

The cellular biocompatibility of the substrate is important for ensuring cell viability. The cell 

viability assay results are illustrated in Fig. 5.8. Again, unmodified alginate was generally 

inferior to the other substrates, and cells often grew in clumps. RCSA strands showed favorable 

cell viability (90.71 ± 2.89) at day 0, but had decreased (80.81 ± 5.547) by day 3, and this trend 

continued (85.05 ± 5.12) on day 7. RCSA strands also had RPSCs growing in clumps, though not 

as frequently nor as large as unmodified alginate, and had a similar, even distribution of dead 
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cells as unmodified alginate. At day 0, 3, and, 7, the percentage of RPSCs viability in the YCSA 

strands was measured as 91.74 ± 3.193, 87.33 ± 4.14, and 89.47 ± 3.644, while in the composite 

PCSA strands was measured as 94.9 ± 0.7851, 90.63 ± 6.06, and 95.01 ± 1.954, respectively. It 

is obvious that RPSCs viability decreased in all experimental samples at day 3, suggesting there 

might be extrusion-induced cell damage or cell apoptosis in the PCSA hydrogel due to the 

leftover toxic byproducts of the conjugate reaction. Overtime the toxins might diffuse out from 

the hydrogel and enhance the viability of RPSCs. The hydrogel strands showed enhanced RPSCs 

viability at day 7 compared to day 3, suggesting both self-healing and proliferation of the cells. 

Figs. 5.8(i-k) reveal that YCSA strands showed comparable results to composite PCSA 

throughout the seven days. This also suggests a combined effect of composite peptides over a 

single peptide-alginate conjugate. However, single and composite peptide-alginate conjugate, 

though close in comparison, were inferior to the positive control (PLL-coated plate) and superior 

to the negative control (alginate) in the 7-day culture period. Moreover, experimental results 

indicate that RPSCs viability among the peptide-alginate conjugates were statistically 

insignificant at day 0 and 3, while cell viability in the composite PCSA strands was significantly 

different from RCSA strands at day 7. RPSCs viability in the alginate strands was significantly 

low compared to the peptide alginate conjugates and the PLL-coated plate over the culture 

period. Moreover, cell viability in the PLL-coated plate was significantly greater than RCSA 

strands over the 7 day culture period and YCSA strands at day 3 and 7.  
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Fig. 5.8 Primary Schwann cell viability in bioplotted strands after 7 days of 3D culture where 

live and dead cell stains as green and red, respectively; live cells in (a) 2% alginate, (b) 2% 

alginate –RGD conjugate, (c) 2% alginate –YIGSR conjugate, (d) 2% alginate –RGD-YIGSR 

conjugate; live and dead cells in (e) 2% alginate, (f) 2% alginate –RGD conjugate, (g) 2% 

alginate –YIGSR conjugate, (h) 2% alginate –RGD-YIGSR conjugate (scale bar = 100 µm); cell 

viability graphs for (i) day 0, (j) day 3, and (k) day 7 (*pb < 0.05, **pb < 0.01). 
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5.4.9 Cell-biopolymer interactions in 3D culture   

Three-dimensional printing creates an environment that embedded cells can respond to in a way 

that better mimics in vivo environments. Figs. 5.9(c-g) show both the images of the cell 

processes that developed and the quantification of how long the cell processes were. RPSCs are 

seen to distribute uniformly in the RCSA, YCSA, and composite PCSA strands. As with the 2D 

culture, RPSCs grew unipolar, bipolar, and multipolar processes in the hydrogel. In the peptide-

alginate conjugate, cell processes combined together to promote cell-cell interaction. Culturing 

RPSCs in RCSA strands resulted in longer cell processes (21.54 ± 1.115 µm) than YCSA strands 

(14.12 ± 1.244 µm), which is similar to the results from 2D culture (Fig. 5.7(i)). Similar to 2D 

culture, the cell processes that developed in RCSA strands were shorter in length than those in 

composite PCSA strands (24.48 ± 1.047 µm). Notably, the cell processes grew in YCSA strands 

was significantly shorter than RCSA or composite PCSA strands. Likewise, statistically 

significant cell process difference was observed in the RCSA and composite PCSA strands. In 

contrast, most RPSCs embedded in the alginate hydrogel showed circular morphology, and 

though cell processes did develop in the alginate cell culture, the processes (5.57 ± 1.157 µm) 

were much shorter than the modified alginate cell cultures.     
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Fig. 5.9 Assessments of 3D culture of RPSCs and released BDNF in and from the bioprinted 

hydrogel strands with immunofluorescent assay and ELISA kit, respectively; (a and b) single 

layered patterns; S-100 immunocytochemistry (green) on RPSCs for 3D cultures grown in (c) 

alginate, (d) RGD-modified alginate, (e) YIGSR-modified alginate, and (f) RGD-YIGSR-

modified alginate strands (*pb < 0.05, **pb < 0.01, ***pb < 0.001), (g) Graphical presentation of 

cell processes length; (h) yellow solution in the wells of ELISA plate indicating the amount of 

released BDNF, (i) standard BDNF plot, (j) secreted BDNF (**pb < 0.01, ***pb < 0.001). 



160 
 

5.4.10 Assessments of BDNF secretion   

To evaluate the physiological function of RPSCs in 3D culture after 3 days, the level of BDNF 

was quantified using an ELISA assay. The graded distribution of yellow color in the ELISA plate 

demonstrates the varying amount of secreted BDNF by the embedded RPSCs in the hydrogel 

(Fig. 5.9(h)). From the sequential dilution of standard BDNF in the ELISA plate, the correlation 

between known amount of BDNF and light absorbance was developed in order to calculate the 

amount of secreted BDNF by experimental samples (Fig. 5.9(i)). All RPSCs cultures showed a 

release of BDNF. In similarity to the previously-discussed experiments, cultures in alginate 

released the least amount of BDNF (6.847 ± 0.14 pg/ml), and cultures in RCSA hydrogel showed 

lower levels of BDNF (7.71 ± 0.19 pg/ml) release compared to YCSA and composite PCSA 

hydrogel, which was 8.943 ± 0.36 and 9.067 ± 0.25 pg/ml, respectively. Moreover, the amount 

of BDNF secreted by the RPSCs embedded in RCSA hydrogel was significantly lower than in 

YCSA and composite PCSA hydrogel. Interestingly, RPSCs embedded in YCSA and composite 

PCSA hydrogel had very similar levels of BDNF (Fig. 5.9(j)), which is in contrast to the length 

of the processes that developed in the 3D culture assay (Fig. 5.9(g)). Compared to the PLL-

coated plate that served as a control, all of the modified alginate showed lower levels of BDNF 

release.     

5.4.11 Evaluation of protein expression of RPSC   

As neurons regenerate, they respond to cues in their environment, and that includes Schwann 

cells. In Fig. 5.10, immunocytochemistry images are shown of developing neurons from cell-

seeding on a 2D culture surface that was embedded with Schwann cells. As mentioned earlier, 

the neurons were collected from stimulated DRGs of Sprague Dawley rats and seeded on the 

samples immediately after preparation. In Fig. 5.10 (a-c), the influence of Schwann cells and 

peptides on helping to support the growth of neurons and axons is visible by the Schwann cells 

aligning along the axon. In addition, the elongated morphology of the RPSCs in the peptide 

modified alginate strands has been demonstrated using S-100 immunofluorocytochemistry. 

Particularly, clusters of RPSCs are found in the close vicinity of neuron cells, suggesting the 

influence of chemotaxis and cell-cell interactions. DAPI staining highlights all of the nuclei of 

RPSCs and neuron cells in the hydrogel strands, demonstrating that RPSCs are found more 

uniformly distributed in the RCSA strands compared to YCSA or composite PCSA strands. 

Using β-3 immunofluorocytochemistry to selectively stain neurons demonstrated that neurons 
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grew neurites in different directions on the peptide-modified alginate surface. Since neuron cells 

were seeded on the PCSA strands bioprinted in the 0° direction  (Fig. 5.13(f)),  the neuron cells 

should grow their neurites in the same direction due to the presence of physical and bio-chemical 

cues [18]. Notably, a higher number of  neurites  were found aligned with the direction of 3D 

printing that were grown on the RCSA or composite PCSA strands than on the YCSA strands. 

However, neuron cells were found to grow tiny neurites on the alginate strands (i.e. negative 

control), the images of immunocytochemistry were presented in Fig. 5.10 (d). The growth of 

neurites on the PLL-coated plate (i.e. positive control) was also investigated and presented in 

Fig. 5.10 (e). The neurites were seen to grow in different directions and coil around neuron cell 

body on the PLL coated plate. 
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Fig. 5.10 β-3 tubulin immunocytochemistry (green) and S-100 immunocytochemistry (red) on 

neuron cells and Schwann cells, respectively with DAPI staining (blue) of nuclei for cultures 

grown on (a) RGD-alginate conjugate, (b) YIGSR-alginate conjugate, (c) RGD-YIGSR-alginate 

conjugate strands, (d) alginate hydrogel, and (e) PLL-coated plate; (scale bar = 100 µm).   

The 3D orientation of RPSCs, neurons, and neurites has been presented for single or composite 

peptide alginate conjugate strands (Figs. 5.11(a-c)). The images clearly demonstrate the 

geometry of bioprinted strands and the directional developments of neurites on the patterned 
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substrate. The Figs. 5.11 (a-c) demonstrate that most of the neurites grew on the outer surface of 

the PCSA strands.  

 

Fig. 5.11  Confocal microscopy of neuron and Schwann cells distributed three dimensionally in 

the (a) RGD-alginate conjugate, (b) YIGSR-alginate conjugate, and (c) RGD-YIGSR-alginate 

conjugate; β-3 tubulin immunocytochemistry (green) on neuron cells with DAPI staining (blue) 

of nuclei both for neuron and primary Schwann cells; [scale bar = 250 µm]. 

 

5.4.12 Evaluation of length and directional growth of neurites 

Fig. 5.12 highlights the growth of axons from neuron cells along the strand of the bioprinted 

scaffold. In combination, these five figures demonstrate the combined effect of biopolymer, 

Schwann cells and neurons in culture on the directional growth of axons. Analogous to the 

effects of conjugated peptides on the growth of cell processes of Schwann cells, the length of the 

neurites that develop are dependent on the peptides that were used. The composite PCSA 
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promoted outstanding neurite growth (1548.2 ± 126.4 µm), and the neurite length on RCSA 

strand (1404.1 ± 361.2 µm) was superior to YCSA strand (926.8 ± 41.4 µm) or PLL coated plate 

(639.0 ± 103.9 µm) or alginate strand (238.0 ± 64.5 µm). Interestingly, neurite length on the 

PLL-coated plate was found shorter than the PCSA strands. This further highlights the probable 

influence of peptides and Schwann cells in helping to guide and support the growth of neurites.   
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Fig. 5.12 Outgrowth of neurites cultured on single layered scaffolds fabricated with (a) RGD-

alginate conjugate, (b) YIGSR-alginate conjugate, (c) RGD-YIGSR-alginate conjugate, and (d) 

alginate hydrogel. Neuron cells cultured on (e) PLL-coated plate was considered as positive 

control, (pink color demonstrates the directional pathway of neurites) (*pb < 0.05, **pb < 0.01).  

Three-dimensional printing can create microstructures that embedded cells can respond to 

and potentially stimulate directional growth of cell processes. The addition of compounds, such 
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as the peptides that were conjugated to the alginate in this experiment, can influence the ability 

for RPSCs to respond to those cues. The directional distribution of neurites has been evaluated 

by frequency versus angular orientation (Figs. 5.13(e-g)). The strands were fabricated in the 

direction of 0°, and a significant number of neurites have been seen to align in the 0° ± 30° 

direction, though for all three peptide-alginate conjugates, neurite growth was observed in the 

±(75° to 90°) direction as well, which suggests the probable growth of some misguided neurites 

perpendicular to the strand towards culture plate. The fact that majority of the neurites grew 

parallel to the strand in all three PCSA samples suggests the dominant effect of peptides possibly  

aligned along the 0° direction. The most consistent directional growth of neurites along the 

longitudinal axis was on the composite PCSA strands, with a frequency of ~ 0.08 for the 

direction of neurite extension. Notably, the YCSA strands failed to facilitate consistent 

directional neurite growth of all three experimental samples, since the maximum value of 

frequency (~ 0.06) was found identical on both 0 and 90° directions. Likewise, the alginate 

strands and PLL coated plate failed to grow greater part of neurites along 0° ± 30° direction, 

rather both the controls grew neurons randomly between 0 and 90° directions. 
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Fig. 5.13 2D distribution of neurites grown on single layered patterns fabricated with (a) RGD-

alginate conjugate, (b) YIGSR-alginate conjugate, (c) RGD-YIGSR-alginate conjugate, and (d) 

alginate hydrogel. Neuron cells cultured on (e) PLL-coated plate was considered as positive 

control and (f) single layered scaffold showing 0° and 90° direction. 

 

5.5 Discussions 

In extrusion based 3D printing, the printability of hydrogel precursor largely depends on the 

viscosity of the precursor. The high viscous hydrogel precursor required higher extrusion 

pressure, while the very low viscous hydrogel precursor freely dripped from needle due to 

gravity (i.e. without any pneumatic pressure) [19]. Furthermore, biofabrication of scaffolds using 

hydrogel precursor in an ionic crosslinker might require higher extrusion pressures compared to 

dispensing in air if the crosslinker exhibits a rapid gelation rate. Particularly, at low dispensing 
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pressures the hydrogel precursor might often gets crosslinked around the needle opening prior to 

settling on the fabrication plate. At a particular pressure, adjusting of the needle or stage speed to 

faster or slower might result in the fabrication of hydrogel strands that will most closely match 

the theoretical values [20]. Unfortunately, biofabrication with the alginate precursor in the ionic 

crosslinker did not allow for a wide range of needle speeds (Fig. 5.3e). For this reason, only a 

few needle speeds were investigated in this article. 

Several factors might cause the deviation of experimental results from the theoretical 

values (e.g. strand width, pore shape, and angle formations). Any mismatch between extrusion 

pressure, needle speed, and gelation rate might result in poor printability. In particular, 

inconsistency between the biopolymer flow rate and needle translation speed might lead to 

rupture and tearing due to under extrusion or random coiling due to over extrusion of the 

biopolymer strand prior to it settling down and adhering to the plate, or not allow enough time 

for crosslinking resulting in poorly formed scaffolds. Notably, PEI-coated tissue culture plates 

were used in this study to allow the extruded strands to adhere to the plate and in their predefined 

geometry. At higher linear speeds, the extruded strands start floating in the crosslinking solution 

instead of settling down probably due to the incongruity between gelation rate, surface 

attachment, and buoyancy force (Fig. 5.3d). This suggests that there exists a limit for the 

minimum and maximum linear speed for a particular needle opening with respect to biopolymer 

viscosity and extrusion pressure. Below and above the limit, the hydrogel precursor demonstrates 

poor printability. Accordingly, for three extrusion pressures and a particular needle opening, a 

number of linear needle speeds were identified in this study that caused moderate to outstanding 

printability of composite PCSA precursor.  

For all measurements, the second layers were chosen as the layer to evaluate to eliminate 

the polymer spreading due to the wettability of the printing surface [21]. Nonuniformity in the 

strand width along the length of the stand was seen possibly due to the spreading and fusion of 

the second layer with the previous layer where they intersect. This phenomenon might result in 

under printability (~PD˂1) at the intersections and between intersections for the strands 

fabricated with 20 or 30 kPa extrusion pressure for particular needle speeds. In contrast, for 40 

kPa extrusion pressure, over printability (~PD>1) at the intersections and between intersections 

was observed probably due to excess hydrogel deposition with respect to different needle speeds. 
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Moreover, the concentration of CaCl2 might also affect the strand and pore printability. In 

crosslinking the extruded strands, Ca2+ ions enter between the molecular chains of alginate 

monomers and form intermolecular ionic bonds, which induces a sol-gel transition [22]. Using 

CaCl2 at higher concentration perhaps supplies more Ca2+ ions to the extruded alginate 

precursors and promotes fast reaction kinetics. Consequently, in this study it was noticed that 

strand fabrication was possible only at lower needle speeds (i.e. 6 and 8 mm/s) in the elevated 

concentration of CaCl2 solution (i.e. 150 mM). The invasion of more Ca2+ ions into molecular 

structure causes shrinkage, which is obvious in the experimental results [23]. In particular, the 

shrinkage of composite PCSA precursor caused inferior strand and pore printability at elevated 

concentrations of CaCl2 (i.e. 100 and 150 mM). 

Swelling, degradation, and loss of Young’s modulus of the alginate scaffolds could be 

attributed to ion exchange, polymer chain relaxation, and water uptake mechanism. The ion 

exchange (Ca2+/Na+) between hydrogel and PBS solution probably relaxes the bond between 

polymeric chains inside hydrogel, and facilitates the water uptake mechanism [24]. From the 

swelling graph (Fig. 5.6(a)), it is obvious that most of the ion exchange took place in the first 24 

hours, since the incubation was conducted in a fixed volume of PBS. Because the composite 

PCSA scaffolds started degrading along with swelling over time, the swelling of the scaffolds 

was found to decline after day 1. In particular, mass loss from the scaffolds reduced the value of 

swelling obtained from equation (5.4). Similarly, the degradation graph (Fig. 5.6(b)) 

demonstrates that probably surface degradation was most prominent in the first week, while 

primarily bulk degradation and polymer dissolution likely took place in the following weeks. 

However, the lack of ion exchange might slow down the degradation process in the third week. 

Since both swelling and degradation affect the Young’s modulus of the bioprinted scaffolds, the 

scaffolds lost 70% of initial elastic modulus within the first two weeks of incubation. 

The changes to the surface morphology of the composite PCSA scaffold over time might 

have profound effects on tissue growth, particularly for nerve tissue regeneration. Since the 

strand surface became micro-porous over time, the scaffolds seems to be conducive for mass 

diffusion exchange between the incorporated cell populations and the surrounding fluids [25]. 

Moreover, the extended incubation period increased the roughness of the composite PCSA 

scaffold, which could have an influential effect on nerve regeneration [26]. The alginate 



170 
 

scaffolds investigated in this study contain both biochemical (i.e. conjugated peptides) and 

biophysical (i.e. surface roughness) cues required for axon outgrowth. Therefore, in nerve tissue 

regeneration the micro-porous scaffold might ensure reasonable viability of incorporated 

Schwann cells and facilitate neurite growth.  

Biocompatible sodium alginate has been frequently studied in various tissue engineering 

applications due to its low cytotoxicity and excellent bio-printability [27,28]. However, alginate 

hydrogels are unable to regenerate tissue due to the lack of cell-binding peptides in the molecular 

structure [13]. Since extracellular-matrix-derived RGD and laminin-derived YIGSR peptides 

bind to integrin and laminin receptors of neuron cells, respectively, covalent chemistry was used 

to link RGD and YIGSR peptides to SA monomers in this study to enhance axon growth [29,30]. 

Modification of the alginate by individual single peptide-modified alginate showed favourable 

results, though the results from the composite peptide-modified alginate suggested that there is 

an interactive effect from their combination. In contrast, unmodified alginate showed very poor 

results in promoting cell attachment, morphology, and processes. RCSA was routinely superior 

to YCSA hydrogel, though composite PCSA hydrogel was generally superior to the other culture 

substrates being evaluated. While RGD peptides facilitated cell adhesion and process growth 

through interacting with integrin receptors, YIGSR peptides promoted cell proliferation by 

interacting with laminin receptors on neuron cells [31,32]. This was demonstrated where RCSA 

hydrogel influenced the RPSCs to show more elongated morphology and grow longer processes 

compared to YCSA hydrogel, while YCSA hydrogels induced the formation of cell clusters 

through cell proliferation. RPSCs attached very poorly to unmodified alginate, whereas they 

attached to the modified alginate culture substrates in comparable numbers to the PLL-coated 

tissue culture plate that served as a positive control. A sign of favorable RPSC response is the 

degree of polarity that the cells develop, where the composite PCSA hydrogel was superior to the 

other culture substrates. Another measure of the cellular polarity is the length of the processes 

that develops in the cell. Here again, composite PCSA was superior to all other culture 

substrates, and markedly so compared to the other modified alginates due to the simultaneous 

interaction of the composite peptides with the two cell receptors.    

BDNF, a member of the neurotrophin family, supports the survival, growth, and 

differentiation of neuron cells [33]. In addition, BDNF stimulates the regeneration of damaged 
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peripheral nerves and the axon remyelination process [34]. In tissue engineering applications, the 

controlled release of BDNF has been shown to be beneficial for axon regeneration [35]. 

However, released BDNF has a short half-life and thus will lose bioactivity before axon 

regeneration is complete [36]. In vivo, Schwann cells secrete BDNF after nerve injury that 

regulates the growth of neurites from neuron cells [37]. Therefore, in this study RPSCs were 

embedded in peptide-alginate conjugates to provide a controlled and continuous release of 

BDNF and to evaluate the potential for future application in promoting axon regeneration. The 

amount of BDNF secreted by the RPSC was minimal in this study. The number of incorporated 

cells in one layer, the amount of taken supernatant, and the leftover BDNF in the hydrogel might 

cause the small amount in experimental measurements. However, the RPSC embedded in 

peptide-alginate conjugated strands secreted greater amount of BDNF compared to negative 

control and smaller amount of BDNF than positive control. In particular, RPSC incorporated in 

composite PCSA demonstrated superior result of the three experimental samples, suggesting the 

simultaneous interaction of integrin and laminin receptor on the production of BDNF.   

Physical and biochemical cues are essential for guiding neurite growth after PNS injury 

[38]. To achieve the goal, patterned structures were biofabricated in this study using an alginate 

bio-ink that has been conjugated with either single or composite peptides. The seeded neuronal 

cells were seen to grow their neurites on the patterned substrates and responding to the cues in 

their microenvironment. RPSC seemed to distribute unevenly in the YCSA- and composite 

PCSA-strands compared to RCSA-strands, suggesting the effect of RGD peptide on cell 

migration within the biopolymer.  The single-layer strands didn’t degrade much during the 7-day 

culture period, and maintained their structural integrity. During the culture period, the neuronal 

cells grew ~1- 1.5 mm-long neurites on all three peptide-conjugated alginates, which is quite 

impressive. Of the five samples studied, composite PCSA strands demonstrated outstanding 

outcomes in terms of directional neurite growth. Therefore, alginate conjugated with multiple 

types of peptides should be considered as a potential superior bio-ink for nerve tissue 

regeneration for future study. 

Composite PCSA scaffold significantly promoted better neurite growth compared to the 

YCSA scaffold. The difference in neurite length between composite PCSA and RCSA was 

insignificant probably due to the large noise for RCSA strands. Increasing the number of samples 
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could be useful in reducing the noise. However, composite PCSA scaffold supported better 

directional growth of neurite than two other peptide samples. These results support our initial 

hypothesis regarding the effect of composite PCSA scaffold on neurite growth. Since 

experimental results show that the PCSA scaffold has intermediate to poor mechanical stability, 

in future the scaffold could be used as NGC filler material in bridging a damaged peripheral 

nerve. 

5.6 Conclusion 

In this study, a set of experiments were conducted to characterize PCSA scaffolds in terms of 

printability, mechanical stability, and neurite out growth. Experimental results suggest that the 

selection of extrusion pressure, needle translation speed, and crosslinker concentration has 

profound effects on the strand printability of composite PCSA precursor. However, arbitrary 

selection of these parameters does not facilitate reasonable printability. Using a needle 

translation speed range of 12 - 20 mm/s and an extrusion pressure of 30 kPa supported better 

average strand width printability (~0.9 - 1) than either 20 or 40 kPa extrusion pressure. However, 

reasonable pore shape printability (~1 ± 0.05) was observed when pressures of 20 and 30 kPa 

were maintained. Only one combination of extrusion pressure (30 kPa) and needle translation 

speed (18 mm/s) was selected based on outstanding strand and pore printability, and was found 

to facilitate reasonable angle printability (~1 ± 0.05) in 50 mM CaCl2. Strands extruded in 50 

mM CaCl2 at 20 kPa pressure maintaining 6 - 12 mm/s needle translation speed demonstrated 

reasonable strand and pore printability (~0.9 - 1) compared to both 100 or 150 mM CaCl2. SEM 

images revealed that composite PCSA scaffolds incubated in 10 mM PBS maintained their 

structural arrangement over 3 weeks of incubation. However, the scaffolds lost 55% and 70% of 

initial mass and elastic modulus, respectively, during the incubation period. In addition, RPSCs 

incorporated in composite PCSA strands demonstrated somewhat better viability, morphology, 

and BDNF release compared to that of single PCSA scaffolds. Moreover, composite PCSA 

strands facilitated better directional neurite outgrowth of neurons compared to controls or single 

PCSA strands. Therefore, it can be concluded that in future, composite PCSA scaffolds would be 

useful to use as an artificial nerve graft in regenerating damaged PNS. Since PCSA scaffold was 

seen to lose 70% of the initial elastic modulus within the first two weeks of in vitro culture, for 

long term in vivo studies it is recommended that the composite PCSA scaffold could be used as a 

potential filler material in nerve graft fabricated with a mechanically stable synthetic biopolymer. 
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Conclusions and Future Recommendations 

 

6.1 Conclusions 

In tissue engineering, EB scaffold fabrication process has made possible to fabricate 

artificial cell laden structure mimicking the respective native tissue. In this regard, MVSA 

precursor has been considered as a suitable bioink due to the ability to incorporate a large cell 

population into 3D construct.  However, the flow rate of the MVSA precursor dispensed from 

the extrusion needle is critical for printing the predefined scaffold structure. In particular, the 

flow rate of MVSA precursor, a function of polymer flow behavior, operating temperature, 

needle geometry, and extrusion pressure, determines the structure of scaffolds in the bioprinting 

process. Besides, scaffolds printed with MVSA precursor requires appropriate ionic crosslinker 

to maintain mechanical strength and cell viability in the culture period. Further, concentration of 

ionic crosslinker and MVSA precursor needs to be optimized in bioprinting scaffolds to achieve 

reasonable printability, mechanical strength and biological performance. While optimization of 

flow rate of MVSA precursor and concentration of ionic crosslinker can ensure the fabrication of 

predifined geometry of scaffolds, the directional axon regeneration through scaffolds remains 

challenging due to the lack of cell binding motifs in the molecular structure of MVSA precursor. 

Conjugation with peptide molecules might improve the biological performance of MVSA 

precursor; however the viscosity of MVSA precursors might be compromised in the preparation 

process, thus demanding the characterization of hydrogel in terms of printability, mechanical 

stability, and tissue regeneration ability. All the issues outlined have been investigated in this 

thesis, and the obtained conclusions have been summarized as follows:   

• In predicting the flow rate of MVSA precursor from extrusion needle, model developed 

considering both shear and slip flow were found effective in relation to experimental 

values. Since the flow behavior of MVSA precursor affects the flow rate, developed 

regression equations of MVSA flow behavior could be used in predicting flow 

parameters needed to calculate the flow rate. Thus the application of the model equations 

in future would reduce the number of trials required prior to bioprinting of hydrogel 

precursor.   
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• The printability, mechanical strength and biological performance (i.e. cell viability) of 

MVSA precursor significantly depends on the type and concentration of ionic 

crosslinkers used in the bioprinting process. Besides, the concentration of MVSA 

precursor was found to affect the printability, mechanical strength and biological 

performance of the 3D scaffold. While some ionic crosslinkers are attractive for 

augmenting mechanical stability of scaffolds, others are attractive for maintaining 

reasonable cell viability in culture. Therefore, sequential or simultaneous crosslinking 

approach might be implemented to fabricate scaffolds with enhanced mechanical and 

biological performance. 

• Developed multiple regression equations in predicting the swelling, degradation and 

elastic modulus demonstrate the significant influence of various independent variables 

(i.e. concentration of MVSA precursor, incubation time, and concentration of ionic 

crosslinker) on the mechanical strength of MVSA scaffolds. The multiple regression 

might be useful in predicting the mechanical strength at different time point, thus 

facilitating the selection of appropriate hydrogel for specific tissue engineering 

applications.   

• MVSA precursor conjugated with single or dual peptides supports better survival, 

attachments, and morphology of embedded cells compared to pure MVSA hydrogel. 

Besides, peptide conjugated MVSA strands supports better directional neurite growth 

compared to positive controls. In the future, the peptide conjugated alginate could be 

used as a potential NGC filler material to regenerate a damaged peripheral nerve. 

• Printability results suggest that PCSA precursor demonstrate reasonable printability at a 

particular range of extrusion pressure and needle speed. Beyond the range PCSA 

precursor shows poor printability in the fabrication of 3D scaffolds. Besides, the 

concentration of ionic crosslinker to effect the printability of PCSA precursor, low 

concentrated ionic crosslinker facilitate better printability compared to higher 

concentrated crosslinker. Moreover, the bioprinting of simple to complex 3D structure 

seems possible using PCSA precursor as a bioink. In the future, the PCSA precursor 

could be used as potential bioink for the fabrication of complex tissue and organ.  
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6.2 Recommendations for future research 

In this dissertation, the flow rate of MVSA precursor has been modeled for 3D bioprinting, the 

influence of three different ionic crosslinkers on the scaffold bioprinting has been assessed, and 

the effect of PCSA scaffolds on axon outgrowth has been evaluated. . Close investigations on 

different issues have further given rise to several issues which might be considered as potential 

research topics in the future research efforts for better outcome of biofabricated scaffolds.  For 

future research, the recommendations are: 

• In this thesis, MVSA precursor was used as a bioink for 3D bioprinting of nerve tissue 

scaffolds. Lacking cell binding motifs, MVSA precursor was further conjugated with 

peptide molecules to enhance axon regeneration ability. Although, PCSA scaffolds 

facilitated directional axon regeneration, peptide conjugation is associated with high 

expenditure and cytotoxicity caused by coupling agent that needs to be addressed. 

Addition of protein molecules or ECM component (e.g. collagen, fibrinogen, gelatin, 

hyaluronic acid, etc.) in the MVSA precursor might be a potential alternative of peptide 

conjugation. Single or multiple protein molecules could be admixed with MVSA 

precursor at a certain ratio in the preparation of bio-ink. However, challenges associated 

with the extrusion and crosslinking of hybrid polymer needs to be taken care of. Besides, 

alternative hydrogel could be explored for the bioprinting of nerve tissue scaffolds. 

Recently, poly (ethylene glycol) diacrylate, poly (ethylene glycol) methacrylate, gelatin 

methacryloyl has been identified as a potential bio-ink in scaffold bioprinting since the 

polymers demonstrated enhanced printability, structural stability, and cell viability. 

Besides, several carbohydrate-based polymers have been explored in 3D bioprinting, 

however, none of them are free from shortcomings. For example, while hyaluronic acid 

shows a rapid degradation rate, chitosan demonstrates poor mechanical stability. 

Therefore, it is recommended that hybrid MVSA precursor or alternative hydrogel-based 

bio-ink could be explored in future studies for nerve tissue regeneration.  

 

• In this thesis, it has been shown that in the bioprinting process Ba2+ ions ensure better 

mechanical strength and structural stability of MVSA scaffolds compared to Ca2+ or Zn2+ 

ions, while Ca2+ ions keep the incorporated cells more viable in the tissue regeneration 

process compared to the other ions. However, the combined effect of various crosslinkers 
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has not been investigated in this dissertation. MVSA precursor could be extruded into 

mixture of ionic crosslinkers containing different ratio or bioprinted scaffolds could be 

sequentially dipped into several ionic crosslinkers containing different concentrations. 

Crosslinking of MVSA precursor either in various crosslinkers sequentially or in 

composite crosslinkers concurrently might be an effective approach to enhance the 

mechanical and biological performance of the scaffolds simultaneously. Therefore, in 

future research the study of printability, structural stability, and biological performance of 

MVSA precursor extruded into composite or multiple ionic crosslinkers is recommended. 

• All the experiments evaluating mechanical strength were conducted in a constant volume 

of PBS. However, in real scenario, in vivo the renewal of the physiologic buffer occurs 

periodically suggesting the consideration of dynamic behavior of physiologic buffer 

rather than static behavior. Therefore, in future research, in the assessment of mechanical 

strength of scaffolds the physiologic buffer might be changed periodically mimicking the 

in vivo condition. Moreover, the in vitro assessments of mechanical stability might be 

further extended to in vivo for the better evaluation of mechanical strength of MVSA 

scaffolds over time. 

 

• In this dissertation, in predicting the mechanical strength of MVSA precursor over time 

multiple regression equations were derived from experimental data. In future work, the 

development of model considering the physical mechanism is suggested, thus tuning the 

physical parameters would be useful to control the structural stability of MVSA 

scaffolds. Further, the development of models are recommended in the future work taking 

into account the physical mechanism to predict the scaffold geometry (i.e. pore size and 

shape, porosity, etc.) with the change of mechanical strength over time.  Thus model 

developed from the understanding of physical mechanism would facilitate the control of 

structural stability and mechanical strength of MVSA scaffolds in the in vitro or in vivo 

culture. 

 

The effect of single and dual peptide conjugated MVSA on neurite growth has been investigated 

in this study. In particular, 1:2 molar ratio of two different peptides were maintained in the 

conjugation reaction to prepare the dual peptide conjugated MVSA. This study could be further 
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extended to investigate the effect of tripeptide conjugated MVSA precursor in the directional 

growth of neurites. Since ECM protein laminin can influence the attachment and differentiation 

of neuron cells and the directional growth of neurites, laminin derived peptide IKVAV could be 

further investigated to study the neurite outgrowth. In particular, neurite outgrowth could be 

investigated on 3D scaffolds bioprinted with tripeptide (i.e. RGD, YIGSR, and IKVAV) 

conjugated MVSA precursor. Moreover, to find out optimum amount of peptides, the tripeptide 

could be conjugated with hydrogel precursor maintaining different weight ratios. Moreover, in 

the future work it is recommended that rather than keeping 1:2 molar ratio, the RGD and YIGSR 

peptide molecules could be covalently linked with MVSA molecule maintaining various weight 

ratios to optimize the effective molar ratio for the better growth of neurites in the in vitro culture. 

Additionally, in future this in vitro study could be further extended to in vivo studies for the 

better characterization of PCSA scaffolds in terms of functional PNS regeneration capability. 

Furthermore, in future research a number of 2D and 3D patterns could be bioprinted to optimize 

the suitable geometry of scaffolds that would facilitate the outstanding directional growth of 

neurites. Thus, the recommended future research would be able to incorporate necessary bio-

chemical and bio-physical cues within the scaffolds that would facilitate the regeneration of 

functional nerve after injury.   
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