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Abstract
Skeletal muscle has remarkable self-regeneration capability for minor injuries, yet massive muscle damage cannot be regenerated spontaneously and
usually requires surgical interventions. The advances in tissue engineering
technology has provided alternatives to build tissues with well-aligned muscle cells in both 2D and 3D. However, most strategies could only generate
tissue models in micron scale or with limited thickness, which are not suitable for volumetric muscle loss (VML). As a proof of concept, an integration
of 3D bioprinting technology and capillary action was performed to fabricate
large 3D constructs for skeletal muscle tissue engineering.
Firstly, a layer-by-layer ultraviolet assisted extrusion-based bioprinting
technology was established to fabricate complex constructs with high aspect
ratio using the gelatin methacryloyl-gellan gum (GelMA-GG) bio-inks. The
results suggested that bio-inks with viscosity lower than 0.124 Pa·s at 37◦ C
were suitable for cell encapsulation and viscosity of 0.2 - 1.0 Pa·s at 25◦ C
were bioprintable for complex constructs using layer-by-layer UV-assisted
bioprinting strategy.
The second part involved the development of suitable bio-inks and the
investigation of the cell viability over the entire bioprinting process. Gelatin
was introduced into the GelMA-GG composite bio-ink to endow the bioink with dynamic mechanical properties. The newly formulated bio-ink was
recognized to be initially printable and subsequently cell favorable. This
hydrogel can serve as a new bio-ink for cells that require stiff surroundings
for attachment and softer substrates for growth. In addition, thick and
complex tissue models may require a prolonged printing process. To better
understand the cell behavior during printing process, cell viability over the
whole printing process was analyzed. Both C2C12 and human umbilical vein
ii

endothelial cells (HUVECs) were examined. The results provided a deep
insight into the cell damage induced by shear stress and UV crosslinking.
Lastly, the feasibility of fabricating large 3D skeletal muscle constructs
with well organized cells through the combination of 3D bioprinting and
capillary action was demonstrated. Dual bio-inks (GMGAGG and gelatin)
and co-culture (C2C12 and HUVECs) were incorporated. Parametric study
including effects of varied line spacing and different seeding density on cell
alignment was performed. Suitable co-culture medium was optimized to
maintain and support the growth of both C2C12 and HUVECs. The results
of co-culture study have identified that 30% HUVECs suffice to support
the growth of C2C12. The immunofluorescence analysis has revealed the
longitudinal myofiber formation in both constructs with C2C12 only and
the co-cultured constructs. The results demonstrated the feasibility and
efficacy of constructing 3D thick tissues in a mild and efficient manner.

iii

Acknowledgements
First and foremost, I would like to express my sincere gratitude towards
my supervisors Assistant Professor Zhang Yi, Professor Chua Chee Kai and
Associate Professor Tan Lay Poh, for their kind patience, valuable advice
and clear guidance. Their support and encouragement have always been
inspiring.

I would also like to express my heartfelt gratitude to Associate Professor
Yeong Wai Yee, who has been generous and supportive in sharing research
facilities and consumables.

I would like to convey my highest appreciation to my project mentor, Dr
An Jia and Dr Ng Wei Long for all the insightful advice that I have received
from them. Furthermore, my sincere thanks also go to Dr Tan Yu Jun, Dr
Ratima Suntornnond, Dr Li Hui Jun, Dr Sun Wen, Ms Zhou Miao Miao
and fellow graduate students in SC3DP, for their continued motivation and
assistance throughout the project.

I would like to give my special thanks to Ms Heng Chee Hoon, the technician at the Biological and Chemical Laboratory, for her kind assistance in
machine operation and materials preparation.

I would like to thank my friends for their kind support in my work and
life. Special thanks to Mr Yin Rui for his kindness, patience and encouragement. Last but not the least, I would like to thank my parents, who
unselfishly support me with love and encouragement throughout the tough
but rewarding PhD journey.
iv

v

Contents

Abstract

ii

Acknowledgements

iv

List of Tables

xi

List of Figures

xii

1 Introduction

1

1.1

Background . . . . . . . . . . . . . . . . . . . . . . . . . . .

1

1.2

Objectives . . . . . . . . . . . . . . . . . . . . . . . . . . . .

4

1.3

Scope . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .

4

1.4

Organisation of report . . . . . . . . . . . . . . . . . . . . .

5

2 Literature Review
2.1

2.2

7

3D skeletal muscle constructs context . . . . . . . . . . . . .

7

2.1.1

Physiology . . . . . . . . . . . . . . . . . . . . . . .

7

2.1.2

Design criteria . . . . . . . . . . . . . . . . . . . . .

8

2.1.2.1

Matrix composition and structure . . . . .

8

2.1.2.2

Multi-cellular environment . . . . . . . . .

9

2.1.2.3

Matrix stiffness . . . . . . . . . . . . . . . .

16

2.1.2.4

Geometrical confinement-2D topology . . .

16

2.1.2.5

Geometrical confinement-2D surface patterning . . . . . . . . . . . . . . . . . . . . . .

18

2.1.2.6

Mechanical stimuli . . . . . . . . . . . . . .

24

2.1.2.7

Electrical stimuli . . . . . . . . . . . . . . .

26

Spatial exploration of constructing skeletal muscle tissue . .

32

2.2.1

3D geometrical confinement . . . . . . . . . . . . . .

32

2.2.2

Electrospun fibers . . . . . . . . . . . . . . . . . . .

33

2.2.3

Porous hydrogel

39

. . . . . . . . . . . . . . . . . . . .

vi

2.2.4

Combinatorial effects of fibers and hydrogels . . . . .

44

2.2.5

3D bioprinted skeletal muscle tissue . . . . . . . . . .

47

2.3

Temporal control of skeletal muscle regeneration . . . . . . .

57

2.4

Challenges and perspectives . . . . . . . . . . . . . . . . . .

62

2.5

Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . .

64

3 Layer-by-Layer Ultraviolet Assisted Extrusion-based Bioprinting of Hydrogel Constructs with High Aspect Ratio

65

3.1

Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . .

65

3.2

Materials and methods . . . . . . . . . . . . . . . . . . . . .

67

3.2.1

Preparation of GelMA-GG bio-inks . . . . . . . . . .

68

3.2.2

1

70

3.2.3

Evaluation of rheological properties of the GelMA-GG

H NMR of GelMA . . . . . . . . . . . . . . . . . . .

bio-ink . . . . . . . . . . . . . . . . . . . . . . . . . .

70

3.2.4

Cell encapsulation and sedimentation

71

3.2.5

Evaluation of bio-ink’s mechanical properties (Cyclic

. . . . . . . .

Compression Test) . . . . . . . . . . . . . . . . . . .
3.2.6

3.3

71

Evaluation of bio-ink’s microstructure (FE-SEM imaging) . . . . . . . . . . . . . . . . . . . . . . . . . . .

72

3.2.7

Manual casting of cell-laden bio-inks . . . . . . . . .

72

3.2.8

3D bioprinting of cell-laden bio-inks . . . . . . . . .

73

3.2.9

Statistical analysis . . . . . . . . . . . . . . . . . . .

74

Results and discussion . . . . . . . . . . . . . . . . . . . . .

75

3.3.1

Determination of degree of methacrylation . . . . . .

76

3.3.2

Bio-ink preparation . . . . . . . . . . . . . . . . . . .

77

3.3.3

Printing phase . . . . . . . . . . . . . . . . . . . . .

83

3.3.4

Post-printing phase . . . . . . . . . . . . . . . . . . .

85

vii

3.3.4.1

Material property (mechanical stiffness and
microstructure) . . . . . . . . . . . . . . . .

3.3.4.2

Influence of bio-ink on cells: Manual casting
of cell-laden bio-inks . . . . . . . . . . . . .

3.3.4.3

3.4

85

88

Influence of bio-ink on cells: 3D bioprinting
of cell-laden bio-inks . . . . . . . . . . . . .

89

Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . .

92

4 Development of Suitable Bio-inks and the Influence of UV
Radiation on Cell Behavior

94

4.1

Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . .

94

4.2

Material and method . . . . . . . . . . . . . . . . . . . . . .

96

4.2.1

Material preparation . . . . . . . . . . . . . . . . . .

96

4.2.2

Rheological property . . . . . . . . . . . . . . . . . .

97

4.2.3

Evaluation of gelatin release . . . . . . . . . . . . . .

97

4.2.4

Structural integrity of GMGAGG hydrogel . . . . . .

98

4.2.5

Enzymatic degradation study . . . . . . . . . . . . .

98

4.2.6

Biocompatibility characterization . . . . . . . . . . .

99

4.2.7

Cell culture . . . . . . . . . . . . . . . . . . . . . . .

99

4.2.8

Evaluation of in vitro cell viability over time (prior to
printing) . . . . . . . . . . . . . . . . . . . . . . . . .

4.2.9

99

Evaluation of shear stress effect on cell viability over
time (during printing) . . . . . . . . . . . . . . . . . 100

4.2.10 Evaluation of UV duration effect on cell survival rate
(post-printing) . . . . . . . . . . . . . . . . . . . . . 102
4.2.11 Statistical analysis . . . . . . . . . . . . . . . . . . . 103
4.3

Results and discussion . . . . . . . . . . . . . . . . . . . . . 105
4.3.1

Evaluation of rheological property of the bio-ink . . . 105
viii

4.3.2

Gelatin release (TNBSA) . . . . . . . . . . . . . . . 106

4.3.3

Structure integrity of the printed GMGAGG constructs107

4.3.4

Enzymatic degradation study . . . . . . . . . . . . . 108

4.3.5

Biocompatibility of GMGAGG . . . . . . . . . . . . 109

4.3.6

In vitro cell viability in printing syringe over time (before printing) . . . . . . . . . . . . . . . . . . . . . . 111

4.3.7

Evaluation of shear stress effects on cell viability over
time (during printing) . . . . . . . . . . . . . . . . . 113

4.4

4.3.8

UV duration effects on cell survival rate (single layer) 116

4.3.9

UV duration effects on cell survival rate (multiple layer)118

Summary . . . . . . . . . . . . . . . . . . . . . . . . . . . . 123

5 3D Bioprinted Constructs with Highly Efficient Capillary
Force Assisted Cell seeding

125

5.1

Introduction . . . . . . . . . . . . . . . . . . . . . . . . . . . 125

5.2

Material and method . . . . . . . . . . . . . . . . . . . . . . 127

5.3

5.2.1

Bio-ink preparation . . . . . . . . . . . . . . . . . . . 127

5.2.2

Printing process (Prior to cell seeding) . . . . . . . . 128

5.2.3

Capillary action assisted cell seeding . . . . . . . . . 128

5.2.4

Cell culture and differentiation . . . . . . . . . . . . 130

5.2.5

Co-culture medium optimization . . . . . . . . . . . 130

5.2.6

Optimization of co-culture ratio . . . . . . . . . . . . 131

5.2.7

Immunostaining

5.2.8

Statistical analysis . . . . . . . . . . . . . . . . . . . 132

. . . . . . . . . . . . . . . . . . . . 131

Results . . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 132
5.3.1

Printed constructs . . . . . . . . . . . . . . . . . . . 132

5.3.2

Evaluation of varied line spacing effect on cell orientation . . . . . . . . . . . . . . . . . . . . . . . . . . 134
ix

5.4

5.3.3

Effect of cell density on cell orientation . . . . . . . . 135

5.3.4

Formulation of co-culture medium . . . . . . . . . . 137

5.3.5

Evaluation of ratio of co-cultured cells . . . . . . . . 140

5.3.6

Immunofluorescence analysis of co-cultured constructs 140

Discussion . . . . . . . . . . . . . . . . . . . . . . . . . . . . 143

6 Conclusions and Future work
6.1

145

Conclusions . . . . . . . . . . . . . . . . . . . . . . . . . . . 145
6.1.1

Layer-by-layer ultraviolet assisted extrusion-based bioprinting of hydrogel constructs with high aspect ratio 146

6.1.2

Development of suitable bio-inks and the influence of
UV radiation on cell behavior . . . . . . . . . . . . . 147

6.1.3

3D bioprinted constructs with highly efficient capillary force assisted cell seeding . . . . . . . . . . . . . 148

6.2

Future research directions . . . . . . . . . . . . . . . . . . . 149
6.2.1

Development of novel bio-ink . . . . . . . . . . . . . 149

6.2.2

Generation of multicellular constructs . . . . . . . . 149

6.2.3

Evaluation of capillary action on cell alignment . . . 150

List of Publications

151

Appendix A

152

Appendix B

153

Appendix C

154

Appendix D

155

References

156

x

List of Tables
2.1

Overview of 2D geometrical confinement on skeletal muscle.

22

2.2

Overview of mechanical stimuli on skeletal muscle.

. . . . .

29

2.3

Hydrogels in skeletal muscle tissue engineering. . . . . . . .

41

2.4

Overview of 3D printed skeletal muscle. . . . . . . . . . . . .

59

3.1

Porosity and average pore size of GelMA-GG with different
concentrations. . . . . . . . . . . . . . . . . . . . . . . . . .

4.1

89

Optimum printing pressures for hydrogels and computed flow
rate of the GMGAGG bio-ink. . . . . . . . . . . . . . . . . . 114

4.2

The power-law index (n), and the shear rate in 25G, 27G, 30G.114

4.3

The total UV exposure time for each configuration. . . . . . 116

xi

List of Figures
2.1

Structure of skeletal muscle tissues. . . . . . . . . . . . . . .

8

2.2

2D geometry confinement on skeletal muscle tissue engieering. 21

2.3

Electrospun fibers for skeletal muscle regeneration. . . . . .

36

2.4

3D bioprinting in skeletal muscle tissue engineering. . . . . .

49

3.1

Low acyl gellan gum [1]. . . . . . . . . . . . . . . . . . . . .

68

3.2

Synthesis of methacrylated gelatin and UV crosslinking of
GelMA hydrogel [2]. A. Gelatin was reacted with MA to
introduce a methacryloyl substitution group on the reactive
amine and hydroxyl groups of the amino acid residues. (B)
GelMA photocrosslinking to form hydrogel under UV irradiation. The free radicals generated by the photoinitiator I2959
initiated chain polymerization with methacryloyl substitution. 69

3.3

Schematic drawing of layer-by-layer UV-assisted bioprinting
strategy. . . . . . . . . . . . . . . . . . . . . . . . . . . . . .

76

3.4

1

77

3.5

Viscosity as a function of shear rate of 30 different GelMA-

H-NMR spectra of Gelatin and GelMA. . . . . . . . . . . .

GG bio-inks at 37◦ C. a. Viscosity of GelMA-based bio-inks
with GelMA concentration at 5%, 2.5% and 1%. b. Viscosity of GelMA-based bio-inks with GelMA concentration
at 7.5%. c. Viscosity of GelMA-based bio-inks with GelMA
concentration at 10%. d. Viscosity of GelMA-based bio-inks
with GelMA concentration at 15% . . . . . . . . . . . . . .
3.6

78

Bio-ink formulation involves characterization of rheological
properties, ease of cell encapsulation and influence of cell sedimentation within bio-inks. . . . . . . . . . . . . . . . . . . .

xii

79

3.7

Viscosity as a function of shear rate of 30 different GelMAGG bio-inks at 25◦ C. a. Viscosity of GelMA-based bio-inks
with GelMA concentration at 1%. b. Viscosity of GelMAbased bio-inks with GelMA concentration at 2.5%. c. Viscosity of GelMA-based bio-inks with GelMA concentration
at 5%. d. Viscosity of GelMA-based bio-inks with GelMA
concentration at 7.5%. e. Viscosity of GelMA-based bio-inks
with GelMA concentration at 10%. f. Viscosity of GelMAbased bio-inks with GelMA concentration at 15%.

3.8

. . . . .

81

The bioprinting phase involves characterization of rheological
properties, determination of suitable UV scanning speed and
selection of suitable bio-inks.

. . . . . . . . . . . . . . . . .

82

Printed constructs with different patterns. . . . . . . . . . .

85

3.10 Bio-ink properties (mechanical stiffness and microstructure).

87

3.9

3.11 Live/dead staining of C2C12 in manual-cast cell-laden bioinks with varied concentrations on Days 0, 7 and 14, with
pink arrows showing cell elongation and spreading. . . . . .

90

3.12 C2C12 cell viability and proliferation study of cell printing
on Day 1,4 and 7; scale bar is 500 µm.* - p < 0.05, ** - p <
0.001. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . .

92

4.1

Schematic of extrusion-based bioprinting. . . . . . . . . . . . 102

4.2

Schematic of three printing stages. a. Cells in printing syringe over time. b. Cells under shear stress in the needle tips.
c Cells under UV irradiation. c1. cells in single layer filament
exposed to UV irradiation. c2. cells printed in multi-layer
constructs under layer-by-layer UV curing.

xiii

. . . . . . . . . 104

4.3

Rheological behavior of GMGAGG and GelMA-GG composite bio-ink. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 106

4.4

A. Quantitative analysis of gelatin release with TNBS. B.The
zoom in view of amino acid concentration from 38-38.6 µg/ml 107

4.5

Structural integrity of printed constructs at varied time point
in dPBS. . . . . . . . . . . . . . . . . . . . . . . . . . . . . . 108

4.6

Degradation profile of composite bio-inks for 28 days. A.
Degradation of GelMA 10%, GelMA-GG (5-0.5, 7.5-0.1/0.2/0.5
and 10-0.1/0.2) and GMAGAGG 2.5-5-0.2. B. Degradation
of 5% and 7.5% GelMA. C. Zoom-in view of the degradation
from day 7 to day 28.

. . . . . . . . . . . . . . . . . . . . . 110

4.7

Biocompatibility of GMGAGG for 10-days culture. . . . . . 111

4.8

Cell viability of both C2C12 and HUVECs over 150 min (prior
to printing). . . . . . . . . . . . . . . . . . . . . . . . . . . . 113

4.9

Cell viability of C2C12 and HUVECs printed with different
needle sizes. . . . . . . . . . . . . . . . . . . . . . . . . . . . 115

4.10 Cell survival rate with varied UV scanning times and UV
scanning speed. . . . . . . . . . . . . . . . . . . . . . . . . . 117
4.11 Analysis of cell viability in multi-layer printed GMGAGG
constructs. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 120
4.12 Filament width of printed of constructs. . . . . . . . . . . . 122
5.1

Schematic of capillary force assisted cell seeding in 3D printed
constructs. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 129

5.2

Printed of GMGAGG constructs. . . . . . . . . . . . . . . . 133

5.3

Capillary action assisted cell seeding in 3D printed GMGAGG
constructs. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 134

5.4

The influence of line spacing on cell orientation. . . . . . . . 135
xiv

5.5

The influence of cell seeding density on cell orientation. . . . 136

5.6

Morphology of C2C12 and HUVECs in co-cultured medium
with varied combination. . . . . . . . . . . . . . . . . . . . . 138

5.7

Proliferation study of C2C12 in co-culture medium with varied combination over 4 days. . . . . . . . . . . . . . . . . . . 139

5.8

Proliferation study of HUVECs in co-culture medium with
varied combination over 4 days. . . . . . . . . . . . . . . . . 139

5.9

Co-cultured cells with varied ratio of C2C12:HUVECs=5:5
and 7:3. A. Microscope imgaing of the co-cultured C2C12/HUVECs
in different ratios and cell numbers. B. Proliferation study of
the co-cultured C2C12/HUVECs over 7 days. . . . . . . . . 141

5.10 Immunostaining of co-cultured constructs, constructs with
C2C12 alone and 2D casting (C2C12/HUVECs) were run in
parallel as control, . . . . . . . . . . . . . . . . . . . . . . . 142
A

UV effect on C2C12 viability with varied exposure time. . . 152

B

UV effect on HUVEC viability with varied exposure time. . 153

C

Cell survival rate of printed C2C12 in GMGAGG multilayer
constructs. . . . . . . . . . . . . . . . . . . . . . . . . . . . . 154

D

Cell survival rate of printed HUVECs in GMGAGG multilayer constructs. . . . . . . . . . . . . . . . . . . . . . . . . . 155

xv

Chapter1
Introduction

1.1 Background
Skeletal muscle, which accounts for 40-45% of an adult human body mass, is
innervated by somatic nerves system and controls voluntary movement and
locomotion such as walking or running [3]. Contusions and lacerations during
sports, trauma and tumor ablation frequently cause skeletal muscle injuries.
Although skeletal muscle has the intrinsic remarkable self-regeneration capability for minor injuries, under some compromised conditions, such as severe
traumatic injuries and volumetric muscle loss (VML) with muscle loss over
20%, the regeneration process is significantly restrained by fibrous scar tissue
formation and therefore, causing muscle dysfunction [4, 5].
By grafting the healthy muscle tissues adjacent to the injury sites, autologous muscle transfer is frequently performed clinically and is regarded as
the current gold standard. These transferred muscle tissues with the dense
vascular network and nerve-muscle junction facilitate the muscle regeneration [6]. Another alternative is free functional muscle transfer when no
muscle is in the vicinity of the injured tissue, yet sacrifice of healthy muscles
is inevitable in these strategies. Frequently occurred donor site morbidity,
insufficient innervation and complications lead to the failure of full muscle
function recovery. Besides surgical interventions, physical therapy is commonly suggested to strengthen the remaining muscles and assist the muscle
repair after injury. Through regular exercise or massage, physical therapy
promotes vascularization and new muscle formation. However, this non invasive/minimally invasive method is less effective in VML.
Other strategies such as the transplantation of muscle precursor cells
have been widely explored [7, 8, 9, 10]. The transplantation of satellite cells
1

to the muscle of dystrophin-deficient mdx mice has been observed with remarkable muscle fiber regeneration and contractile functional recovery [8].
However, the low expansion capacity of satellite cells, low cell survival rate
potentially caused by poor localization or immune rejection and limited integration with host tissues await to be addressed.
Decellularized extracellular matrix (dECM) has been an attractive scaffold platform. dECM scaffolds preserve native structures which could guide
fiber alignment and the vascular networks that could possibly facilitate nutrients transportation and waste removal [11, 12, 13]. However, the effect of
the cell removal process on biochemical and mechanical properties of dECM
is not completely understood, and the poor understanding of the composition
and batch to batch variation resulted in inconsistent outcomes. Moreover,
study on cell migration in large scaffolds is still limited.
Tissue engineering has made remarkable progress in skeletal muscle regeneration. By incorporating the exogenous factors (physical, chemical and
electrical cues), tissue engineering scaffolds have been designed to be mechanically compliant and biocompatible to induce cell adhesion, proliferation
and differentiation, and thus elicit desired cellular response and functional
recovery. A number of bioengineering strategies including geometrical confinement, electrospun fibers, porous hydrogel with anisotropic microchannels
or with other assisted strategies such as mechanical stimulation, have been
implemented to construct in vitro skeletal muscle tissues with high fidelity
through spatial or temporal control over materials, cells or other exogenous
cues to accelerate the regeneration process. Each method has their own
merits and disadvantages. Nevertheless, most of the skeletal muscle tissue
models are fabricated with relatively small sizes which are inadequate for
VML.
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In recent years, 3D bioprinting has developed into a promising tool to
construct reproducible and complex models that are highly automated. 3D
bioprinting allows the fabrication of constructs with various materials, multiple cell types and instructive biomolecules based on pre-designed patterns.
Exquisite control over the incorporated elements may better imitate the
intricacies of natural physiological environment. One of the major dilemmas that hinders the development of 3D bioprinting is the lack of suitable
bio-inks, especially for soft tissues. It is often difficult to find a printable
material with compliant mechanical property and yet, still be able to generate large tissue constructs during 3D bioprinting without structural collapse.
Hydrogels with dynamic mechanical property are of great interest. Bio-inks
transited from stiff to soft yield highly desirable property that is initially
bioprintable and subsequently cell-responsive.
Despite the superior structural feasibility offered by 3D bioprinting, the
printing process can be tedious for large and complex constructs. Long
duration of printing process may compromise the cell viability, especially
cells such as primary cells, induced pluripotent stem cells (iPSCs), embryonic
stem cells (ESCs) and so forth. Integration with other strategies that could
possibly alleviate cell damage is highly desirable.
Capillary action, which enables a liquid to flow within sufficient small
spaces without the assistance of external forces, has been broadly used in
hard materials. Recent studies have also demonstrated the feasibility of
capillary action on cell delivery in tissue engineered scaffolds [14]. Thus,
by applying capillary action into appropriate 3D bioprinting constructs, we
have demonstrated the potential and feasibility of fabricating large 3D bioprinted muscle constructs with unidirectional channels and high cell density
for volumetric muscle loss.
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1.2 Objectives
The overall objective of this research is to develop a bioink and subsequently
construct in vitro skeletal muscle tissue models with anisotropic cell organization in 3D hydrogels for VML. This work has the following research
objectives:
• To develop a suitable bio-ink and to establish a robust layer-by-layer
UV crosslinking printing process.
• To investigate the influence of UV radiation on cell survival rate over
the bioprinting process.
• To develop 3D in vitro skeletal muscle tissue constructs and achieve
anisotropic cell organization in 3D hydrogels using 3D printing technology
with the assistance of capillary force.

1.3 Scope
The scope of this project includes:
• Selecting a suitable bio-ink and establishing a material selection framework and layer-by-layer UV assisted extrusion-based bioprinting strategy.
• Understanding the UV radiation effects on printing resolution and cell
survival rate.
• Construction of long-term culture of the 3D bioprinting skeletal muscle
tissue models with an integrated capillary action-assisted bioprinting strategy.
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1.4 Organisation of report
The thesis is organized as follows:

Chapter 1 introduces the background of skeletal muscle tissue engineering, bioprinting, capillary action application. The motivations, objectives
and scope of this research are also listed.

Chapter 2 covers literature review of the efforts on skeletal muscle tissue
engineering. Specifically, design criterion in engineering skeletal tissues are
highlighted. State-of-the-art bioengineering technologies including geometrical confinement, electrospun fibers, porous hydrogel, and 3D bioprinting
are elaborated. Limitations and future directions of tissue-engineered muscle constructs are discussed.

Chapter 3 introduces a facile bioprinting strategy that combines the rapid
extrusion-based bioprinting technique with an in-built ultraviolet (UV) curing system. Bio-ink selection framework is also devised.

Chapter 4 describes the development of suitable bio-ink and investigates
the UV radiation effects in the three stages of bioprinting in terms of cell
viability using C2C12 and HUVECs.

Chapter 5 presents the proof-of-concept for bioprinting 3D skeletal muscle tissue constructs using 3D bioprinting. Capillary action is employed to
achieve homogeneous cell seeding in a highly efficient manner. The characterization of 3D skeletal muscle constructs in term of immunofluorescence
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analysis will also been included.

Chapter 6 presents the conclusions of the project as well as recommendations for future work.
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Chapter2
Literature Review

2.1 3D skeletal muscle constructs context
2.1.1 Physiology
Skeletal muscle consists of highly organized, densely packed myofibers (each
represents the single cell), abundant blood vessels, nerve and connective
tissue. Individual myofibers are covered by a basement membrane, which is
continuous with the endomysium connective tissue layer. Myofibrils, derived
from the fusion of myoblasts, agglomerate to form myofibers within 20 to 100
µm [15]. Myofibrils consist of many adjacent sarcomeres that are connected
end to end. The smallest functional unit of skeletal muscle is sarcomere,
which consists of thick filament made of a protein known as myosin and thin
filament made of a protein known as actin (Figure 2.1).
Capillaries run along the muscle fibers, which basically carry blood and
supply cells with oxygen and nutrients. Many of the muscle fibers are stacked
together, along with the neurons and blood vessels to form a cylindrical
bundle, which is known as fascicle. Fascicles are bundled together to form a
real muscle. There are two types of skeletal muscles, type I and type II. Type
I basically contains a high concentration of myoglobin, a special protein that
carries oxygen. Type I muscle breaks down ATP at a slow rate and thus are
called slow-twitch muscle. Therefore, they are slow to fatigue and contract
slowly and mainly responsible for less intense but prolonged activities such
as long-distance running. Whereas the type II muscle breaks ATP at a high
rate, contract quickly and are called fast-twitch fibers. They are primarily
in charge of high-intensity activities such as sprinting [4].
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Figure 2.1: Structure of skeletal muscle tissues.

2.1.2 Design criteria
To better recapitulate the structure and function of the native skeletal muscle, a myriad of studies have been carried out to identify the critical factors
that modulate myogenesis. Here we elaborate on these factors and their
effects on myogenesis with specific examples to provide some insights into
the design considerations of engineered skeletal muscle tissues.
2.1.2.1 Matrix composition and structure
The increasing awareness of the importance of cell-ECM interaction has fueled growing interests in decoding matrix components. ECM functions not
only as mechanical support, but also imparts instructive signaling to steer
cell behaviors [16]. A clear understanding of matrix components could ben-
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efit material-based therapies. Generally, skeletal muscle composed of two
parts of matrices, the basal lamina and intramuscular connective tissues.
The basal lamina is a sheet-like structure and mostly comprises laminin,
collagen IV, nidogen, and perlecan [17]. Connective tissue, with a highly organized structure, can be divided into three layers: epimysium, perimysium
and endomysium. Endomysium encloses myofibers and is mainly made of
aligned collagen fibers [18]. Muscle fibers bundled together and ensheathed
by type I collagen enriched perimysium [19]. These fascicles, interspersed
with blood vessels and axons, are wrapped by epimysium, which comprises
two wavy sheets of collagen fibrils. Collagen is the major component in skeletal muscles that maintain the structural integrity [20], particularly type I
and type III fibrillar collagen. Meanwhile, a minor fraction of type II, V,
VI, IX, XII and XIV have been detected in some specific muscle and species
[21]. Additionally, for tissues such as the smooth muscle, skeletal muscle
and cardiac muscle, cell organisation dictates the tissue function. Controlling the structure of the matrix to induce cell alignment represents the first
and foremost step in the myogenic process.
2.1.2.2 Multi-cellular environment
Satellite cells make up approximately 2-7% of the total nuclear content of
skeletal muscle. They locate between the basal lamina and the plasma membrane that surrounds each fiber, and function as putative stem cells in skeletal muscle. These cells are quiescent in mature, healthy tissues and are
specified by expression of paired box 7 (Pax7) [15]. Satellite cells play a
pivotal role in muscle fiber repair. They react upon injuries, switching from
quiescent to active. Satellite cells migrate to the injured site, proliferate,
undergo myogenic differentiation, fuse to form new myofibers and integrate
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with the muscle. Seminal studies have demonstrated the efficacy of satellite
cells transplantation [22, 23]. The transplantation of single intact myofiber
with seven satellite cells into radiation-ablated muscles produced over a hundred new muscle fibers with thousands of nucleus [22]. Robust self-renewal
and expansion have been observed. Given the myogenic potential, satellite
cell is a suitable source for muscle regeneration. However, they are identified to be highly heterogeneous in function and thus with varied efficacy in
regeneration [22, 24, 25, 10, 26]. Moreover, the difficulty in isolation and
purification of the cells and the low expansion capacity ex vivo awaits to
be addressed [10, 27]. This has greatly intrigued the interests in exploring
various cell types with comparable regeneration capability. Myoblasts [28],
mesoangioblasts [29, 30], pericytes [31, 32], embryonic stem cells (ESCs)
[33], induced pluripotent stem cells (iPSCs) [34], mesenchymal stem cells
(MSCs)[35, 36], muscle-derived stem cells (MDSC) and adipose-derived stem
cells (ADSCs) have been extensively explored for their myogenic capability
[37, 38]. Some detailed reviews have summarized the cell sources and types
for skeletal muscle regeneration [39, 40].
Muscle contraction is regulated by the intimate collaboration of muscle
tissues, capillaries, nervous tissue and connective tissues, suggesting that in
addition to muscle cells, fibroblasts, neurons and endothelial cells are indispensable when constructing in vitro muscle tissues. The interaction between
muscle cells and fibroblast is essential as the collagen and other ECM proteins and some growth factors are mainly secreted by interstitial fibroblasts.
Cooper et al. have clarified the possible role of fibroblast as an elastic substratum to support contractility and as a facilitator for the development
and maturation of C2C12 [41]. Specifically, cells cultured on collagen- or
laminin-coated substrates detached massively after 5-6 days differentiation,

10

whereas for C2C12 cultured on fibroblast substratum, extended contractile myotube culture period has been observed. Highly matured sarcomeric
structure has been confirmed by immunostaining. Electrical stimulation at
10V was applied and the occurred reproducible calcium transients revealed
the functional maturation in terms of calcium handling proteins. The potential of fibroblasts on promoting the C2C12 proliferation and spontaneous
myoblast differentiation and stabilizing the tissue integrity by secreting the
ECM proteins were further confirmed in subsequent studies [42, 43, 44, 45].
In a recently published study, Rao et al. conducted a co-delivery of myoblasts and fibroblasts using decellularized skeletal muscle extracellular matrix (SkECM) hydrogel to tibialis anterior (TA) of C57BL/6 mice models
[44]. Myoblast or co-delivery with PBS was run as control. Cell viability
was remarkably increased in skECM with fibroblasts on day 7 compare to
control groups. As demonstrated by Perimed laser speckle contrast analysis,
better perfusion was found compared to the saline group. It is noteworthy
that co-delivery with better recapitulating of native environment yielded
more desirable results.
Skeletal muscle is a highly vascularized tissue. Capillaries interspersed
in the muscle fibers to facilitate the nutrients and oxygen transportation
and waste removal. Particularly, for thick engineered tissues, the absence of
vascular network frequently induces tissue necrosis in the central zone and
finally leads to the failure of fully functional recovery. To overcome this,
myoblasts co-culture with endothelial cells to vascularize the tissue has been
widely investigated [46, 47, 48, 49, 50, 51, 52, 53, 54]. Notably, Levenberg
et al. reported a tri-culture by seeding myoblast, embryonic fibroblast and
endothelial cells (ECs) on 3D highly porous scaffold (PLGA-PLLA) [49].
Medium (myoblast medium and EGM-2) effect was examined. The results
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showed that EGM-2 was not very supportive for myoblast differentiation
whereas myoblast medium promoted myoblast differentiation and endothelial network formation. The increased VEGF expression highlighted the
pivotal role of fibroblasts on promoting the formation and stabilization of
the endothelial vessels. To analyze the therapeutic potential, the constructs
were implanted into three different models. Continuous cell differentiation
in vivo and host integration were observed in all three models. The quantitative analysis of the perfused vessels revealed that constructs with muscles
cells only have 21 ± 2 vessels, while constructs with endothelial cells had
30 ± 2 vessels. This indicated that prevascularization could possibly improve
blood perfusion and survival. In a lateral study, Koffler et al. conducted
the tri-culture on a biodegradable, acellular scaffold to analyze the degree
of in vitro vascularization [54]. The constructs were cultured in vitro and
observed at different incubation periods (1 day, 1, 2 and 3 weeks). ECs
and myoblasts spread toward the perimeter of the scaffold within one day
of culture. The vessel-like structure appeared at the peripheral of scaffold 1
week in culture. Two and three weeks later, the open vessel-like structures
were observed at the center of the scaffold and almost covered the entire
construct. The constructs with varied maturity (1 day, 1, 2 and 3 weeks)
were then transplanted to the abdominal wall of nude mice to investigate
the tissue integration. Muscle formation was observed in all the groups,
and increase with incubation time, fibers tend to be more organized and
closely packed. This technology was further extended and applied to repair
large soft tissue defects [51]. The triple-cultured constructs were cultured
in vitro to form the small capillary network and then implanted to femoral
artery and veins for prevascularization for 1 week. The extensive vascular
density and perfusion indicated that the scaffolds were highly vascularized,
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therefore was transferred to abdominal viscera for a full-thickness abdominal wall repair. The engineered constructs remained viable and vascularized
and integrated with the surrounding tissues. The tri-culture system has exhibited great potential in enhancing muscle regeneration, maturation, and
integration. However, constructs in these studies were lack of anisotropic
structures. Chen et al. introduced a co-culture of L6 skeletal myoblast and
HUVECs in 3D micropatterned collagen scaffold with parallel and concave
microgrooves [50]. The ratio of myoblast to HUVECs varied from 1:0 (monoculture), 3:1 to 1:1 (co-culture), and the total seeding concentration ranged
from 1 × 106 , 4 × 106 to 6 × 106 cells/mL. The results showed that lower
seeding concentration (1 × 106 cells/mL) resulted in the formation of cellular spheroids rather than cell bundles in the scaffolds. Muscle bundle tissues
were observed in all the seeding ratio, however, the group with a lower ratio
of HUVEC yielded the formation of intermittent tubule-like structure.
Co-culture system is very attractive as it provides a more authentic scenario for cells, therefore better recapitulate the native condition. The optimal medium to support various cell types for sustained culture should be
sorted out. Gholobova et al. have carried out a systematic study by a coculture of human muscle progenitor cells (myoblast 92% and fibroblast 8%)
with HUVECs in a fibrin ECM [48]. Total cell seeding density (1 × 106 or
2 × 106 ), cell ratio (muscle cell: HUVECs= 60:40, 50:50, 70:30) and culture
medium have been examined in both 2D and 3D to optimize the culture condition. The results suggested that EGM-2 allowed the growth of HUVECs
and myofiber formation in comparison to SkGM (skeletal muscle growth
medium). In co-culture with a total of 1 × 106 cells, 30% and 40% HUVECs
showed apparently better endothelial network formation compared with coculture bioartificial muscles (BAMs) with a 50:50 ratio. When a total cell
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number of 2 × 106 was used, no significant difference regarding the improvement of myofiber formation was observed. The results indicated that cell
number is a dominant factor over cell ratio.
Muscle contraction begins when the nervous system generates an electrical signal, which is known as an action potential, travels through the motor
neuron. The neuromuscular junction is where the motor neuron reaches a
muscle cell. When the signal reaches the neuromuscular junction, a neurotransmitter called acetylcholine (ACh) is released by motor neurons, binds
to receptors on the outside of the muscle fiber. That initiates a chemical reaction within the muscle, causing muscle contraction. Given that neuronal
input is essential for muscle development, maturation and function, electrical stimulation is frequently used to mimic the neuronal stimulation to
induce muscle contraction in a laboratory environment. However, the electrical stimulation is not conducive for long-term culture, which makes the
neural stimulation necessary when constructing the in vitro muscle tissues.
Both 2D monolayer and 3D co-culture have been explored for constructing
neuromuscular junction [55, 56, 57, 58, 59, 60].
Larkin et al. co-cultured skeletal muscle construct with fetal nerve explants [56]. The co-culture constructs were observed to exhibit spontaneous
contraction while monoculture did not. The presence of ACh at the junctions between nerve extensions and the muscle constructs was confirmed
with immunohistochemical labeling. Morimoto et al. generated 3D freestanding neuron-muscle constructs with highly aligned and matured muscle
fibers from the co-culture of skeletal muscle fibers and motor neurons [57].
They have developed free-standing muscle fiber constructs with C2C12-laden
matrigel, followed by mNSC differentiation on the muscle constructs. The
neurospheres were in tight connection with muscle fiber bundle, stable adher-
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ence without slipping. The AChRs were formed at the connection between
the muscle fibers and the neurons. Strikingly, with the chemical simulation
of glutamic acid on motor neurons, the muscle-neuron constructs contracted
synchronously with a contractile displacement (37.7µm) larger than that
of spontaneous contractions (0.9µm). Taken together, co-culture of muscle
cells with neurons has greatly improved the muscle contractility. This was
also confirmed by a lateral study performed by Smith et al. in 3D collagenbased skeletal constructs with primary cells (primary muscle-derived cells
(MDCs)and ventral horn motor neurons) [58]. Similarly, the co-culture system was applied to a fibrin-based 3D matrix by Martin et al [60]. Immunohistochemical analysis confirmed the uniaxial alignment myotube formation
and the attachment of neurons to the fibrin gel. Immunostaining of SV-2
and AChR suggested the presence of putative NMJ formation within the
fibrin gel. With the electrical stimulation, constructs cultured for 18days
exhibited 145% greater twitch force and augmented by 143% tetanic force
in comparison to the control group (with no neurons). This highlighted the
critical role of neurons on muscle contraction. Moreover, the co-cultured
constructs showed more consistent striations (84.42% ± 7.85% of myotubes)
than aneural constructs (13.9% ± 4.47%).
Overall, the co-culture systems, including fibroblast, HUVECs and neurons, have provided profound insight into the cell-cell interactions and effective platforms to better recapitulate actual muscle tissues. They would be
of considerable benefits to the study of pathology and pharmacokinetics of
relevant degenerative diseases.
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2.1.2.3 Matrix stiffness
It is well known that mechanical property of substrates exerts significant
effects on cell behavior. As documented that the differentiation of MSCs
is highly modulated by substrate stiffness. They could adopt neuronal phenotype on softer substrate (0.1-1 kPa) [61], and tend to be myogenic on
matrices with 10-fold stiffness (8-17 kPa) [62, 63]. On a rigid substrate (2540 kPa), they are likely to be osteogenic [64]. Similarly, skeletal muscle cells
are regulated by substrate elasticity as well. The elastic modulus of healthy
muscle is 12 kPa, while aging, degenerated and injured muscles possess a
higher elastic modulus over 18 kPa [65]. PM Gilbert et al. has highlighted
the importance of satellite niche rigidity by growing freshly isolated muscle
stem cells on laminin-coated PEG hydrogel (12 kPa) and rigid plastic dishes
(106 kPa). Notably, muscle stem cells on softer substrates exhibit superior
self-renewal capability in vitro and regeneration capacity when subsequently
injected into mice [66]. In addition to cell differentiation, matrix stiffness
has a great impact on myofiber formation and maturation [67, 68]. Engler
et al. introduced collagen strips that attached to glass or polyacrylamide
gels with varied elasticity (1, 8, 11, 17 kPa). The results indicated that
C2C12 cells aligned and fused into myotubes regardless of substrate stiffness,
whereas myosin/actin striation was stiffness-dependent. Striations were only
observed on gels (8 and 11 kPa) with similar stiffness to normal muscle tissues. With human myoblast, Serena et al. have further verified the critical
role of substrate stiffness in governing striated myotube formation.
2.1.2.4 Geometrical confinement-2D topology
Skeletal muscle consists of nanofibrils where organisation determines functionality. As demonstrated, myoblasts grow randomly in the absence of
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contact guidance and this is not conducive to generate contractile tissues.
Therefore, it is advantageous to design scaffolds with appropriate topographical support to align the muscle cells and elicit a desirable cellular response.
With this in mind, early studies have devoted enormous efforts to evaluate the effects of various micro- or nano-scale surface topology and patterning on directing cell behavior and attempt to screen out the optimum
feature [69, 70]. Hitherto, a plethora of techniques enable the generation of
nano-/micro-scale features, including but not limited to photolithography
[71, 72], soft lithography [73, 74, 75], hot embossing [76], stretching [77],
micro-contact printing [78, 79, 80] and abrasion [81], etching [82, 83], UV
embossing [84], direct laser writing [62, 85, 86].
Correspondingly, a number of patterns such as groove/ridges/channels
[87, 71, 78], holes [76], square, circle and diamond posts [75], cantilever [88]
and continuous wavy micropatterns [89, 90, 91, 81, 92], with feature sizes
spanning a wide range have been evaluated (Table 2.1). As revealed in table
2.1, groove/ridge pattern in nano or microscale has been the focus of the
research.
Groove/ridge pattern with size up to 100 µm allows the myoblast alignment and elongation, but with limited effect on cell differentiation. An
outstanding study has been conducted by Charest et al.[76]. They analyzed
the primary and C2C12 myoblast alignment and differentiation by a series
of micro-topological patterns, including groove/ridges and an array of holes,
with various sizes (width or diameter) ranging from 5 to 75 µm and depth
around 5.1 µm (Figure 2.2a). Notably, cell alignment has been observed
in all the groove patterns but selectively aligned along the rows of holes.
The alignment is modulated by the groove width, increased alignment was
observed on narrower groove widths. Evidenced by sarcomeric myosin and
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Ach receptor expression, cell density and differentiation was not significantly
affected by the topography (Figure 2.2b). In addition, groove/ridge pattern
in nanoscale facilitate myoblast alignment as well [82, 93]. Clark et al. suggested that ultrafine gratings (130 nm wide grooves separated by 130 nm
wide ridges and 210 nm deep) allows cell alignment, but inhibit myotube
formation. Wang et al. also observed cell alignment and enhanced differentiation on substrates with widths of 450 nm and 900 nm, and varied depth
in 100, 350 and 550 nm [82].
Aside from groove/ridge pattern, continuous wavy pattern and posts
enable cell alignment as well. Lam et al.demonstrated that wavy pattern
with 6µm periodicity gives rises to the most healthy and robust myoblast
and optimum alignment (as shown in Figure 2.2g and 2.2h)[92]. Through the
comparison between grooves with sharp edges and sinusoidal wavy patterns
with round edges, Jiang et al. has declared the negligible role of sharp edges
for eliciting contact guidance [90]. Besides linear patterns, surface roughness
encompasses the capability to align myoblasts as well [81].
2.1.2.5 Geometrical confinement-2D surface patterning
Similarly, surface patterning has been frequently utilized to modify material
surface chemically or physically, thus impart surface topology as contact
guidance. ECM proteins such as collagen, fibronectin and laminin are commonly used to induce cell adhesion and direct cell alignment [79, 94, 95, 96].
Other cell repulsive materials such as PEG and PEO-PPO are employed
independently as well to confine the area for cell mobility or work with celladhesive protein synergistically [97].
By patterning fibronectin, Bajaj et al. have explored the influence of diverse geometrical constraints on myogenic differentiation process [98]. The
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geometries include lines with various widths (300 µm, 150 µm, 80 µm, 40 µm,
20 µm, 10 µm), torus with different inner diameters (40 µm, 100 µm, 200
µm) and hybrid pattern (linear and circular feature with varied arc degrees:
30◦ , 60◦ and 90◦ ) (Figure 2.2c). Fusion index, degree of maturation, cell
alignment, and the response to electrical pulse stimulation (EPS) were evaluated to quantitatively study the differentiation of C2C12. Cells conformed
uniformly to the micropattern within 24h-culture. Through immunostaining of MHC, fusion index (regions with ≥ 2 nuclei) and maturation index
(regions with ≥ 5 nuclei) were calculated (Figure 2.2d). Surprisingly, hybrid 30◦ pattern exhibited a 2-fold and 3-fold increase in terms of fusion
index in comparison to linear patterns and circular patterns, respectively.
A higher maturation index has been observed in hybrid 30◦ pattern than
all the rest patterns. Taken together, the results suggested that including a
small degree of circularity�hybrid 30◦ pattern�to a linear structure promotes
cells differentiation and myotube maturation.
A simple but systematic study has been conducted by Duffy et al. [79].
The authors evaluated the role of ECM protein and geometrical patterning in modulating myotube formation and alignment. They have compared
fibronectin(FN), laminin, collagen type I and collagen type IV with the
anisotropically coated substrate and micro-contact printed line patterns with
spacing at 10, 15, 20, or 30 µm and width at 20, 50, 100, or 200 µm. Both
C2C12 and human skeletal muscle-derived cells (SkMDCs) have been examined. After 6-d differentiation, C2C12 delamination was observed on
lines patterned with Col I and IV and isotropic Col I substrate, while myotube formation was observed on FN and laminin regardless of patterns.
As evaluated by MHC, laminin coated substrates was found to be superior
to FN- and Collagen-coated regarding myotube numbers, myotube length
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and fusion index. These results suggested that cell adhesion and differentiation is protein-dependent. Further investigation of geometrical effect was
carried out on laminin-coated substrates with varied patterns. The results
showed that 10 µm line spacing with considerable myotube area and myotubes bridged across laminin lines, whereas 20, or 30 µm spacing allows cells
to grow to conform to the line patterns (Figure 2.2e). With the increased
line width, the myotubes began to orient off axis to the pattern. To determine the influence of cell types and species, protein screening was repeated
with SkMDCs. Similarly, laminin outperformed FN and collagen in terms
of cell attachment and differentiation. Strikingly, cell alignment and differentiation of human SkMDCs were similar in all the patterns, independent of
line width and spacing (Figure 2.2f). The disparate trends highlighted the
importance of cell selection when designing tissue constructs.
Taken together, these 2D features function as tools to identify the potential of physical cues to induce cell alignment, promote myotube maturation
and massively contribute to our understanding of the mechanism of how cells
sense their surrounding environment. However, cells only sense the substrate
topology when they are in direct contact with the substrates. Moreover,
topology plays a critical role in cell alignment, but negligible effects on cell
proliferation or myogenic differentiation.
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Figure 2.2: 2D geometry confinement on skeletal muscle tissue engieering. a)Cellular orientation is influenced by surface topography and immunostaining of sarcomeric myosin
and nuclei. b)AchR expression is not influenced by topography (reproduced with permission from Ref. [76]. Copyright © 2007 Elsevier Ltd). c) Phase contrast images of
the different micropatterned cell islands used in the study—lines of different widths (300,
150, 80, 40, 20, and 10 µm), tori of different inner diameters (40, 100, and 200 µm), and
hybrid patterns of different arc degrees (30, 60 and 90◦ ). d)DAPI and MHC staining of
the C2C12 cells on the different patterns (reproduced with permission from Ref. [98].
Copyright © 2011, Oxford University Press). e)Representative images of C2C12 cells differentiated on 16 different line patterns of LAM f)Representative images of MHC and
DAPI staining of human myotube formation on 100 × 20 lines (reproduced with permission from Ref. [79].Copyright © 2016, Biomedical Engineering Society). g)Micrographs
of muscle cells on different wave sizes. h)SEM images of 6 and 12 mm sized wavy PDMS
substrate (reproduced with permission from Ref. [92]. Copyright © 2006 Elsevier Ltd).
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Table 2.1: Overview of 2D geometrical confinement on skeletal muscle.
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Micro contact

Fibronectin coated

square, circular, and diamond posts

laminin coating

width at 20, 50, 100, or 200 µm

10, 15, 20, or 30µm;

Line patterns: spacing at

arc degrees: 30◦ , 60◦ and 90◦

hybrid pattern with varied

tori with different inner dia (40-200µm)

lines with varied widths (10-300µm)

Line, square, hexagonal lattices,

λ <500nm, 500<λ<1000, 1000<λ<2000

A series of wavy patterns:

arranged in parallel arrays

ranging from 5 to 120 um

species-dependent

Cell orientation and differentiation is

protein-dependent

•Cell adhesion and differentiation is

differentiation and myotube maturation.

to a linear structure promotes cells

•Adding a small degree of circularity

accumulation of ACh receptors.

alignment, localization of focal adhesions,

•Micropatterned substrates influence cell

upon confluency

•Intermediate pattern sizes: cell align

•Very small patterns: no global alignment

•Large waviness: cells immediately align

•optimal width 20 um, the cells neatly

Key feature

6.7um-deep channels with widths

(20µm edge length, 20 µm gaps)

20 µm gaps);square posts

Patterned lines (20µm width

Pattern/Size

PDMS membrane

petri dish

C2C12

C2C12

PDMS

glass coverslips

PDMS

Materials

printing

Micro-contact

Soft lithography

molding

C2C12

C2C12

UV lithography

Replication

C2C12

Cells

Soft lithography

method

Fabrication

[79]

[98]

[75]

[89]

[83]

[75]

Ref

2.1.2.6 Mechanical stimuli
Skeletal muscle is in charge of voluntary movement in the body and subjected to cyclic stretch and relaxation constantly. Mechanotransduction
is of critical importance in skeletal muscle tissue [100]. A growing body
of research has demonstrated that the crucial effect of mechanical stimulation on regulating skeletal muscle cell behavior (as shown in Table 2.2)
[101, 102, 103, 104], yet the underlying mechanisms of mechanical loading
on cell behavior is not completely understood. Pioneer study conducted
by Vandenbergh et al. has revealed that embryonic chicken myoblasts on
a collagen-coated substrate aligned parallel to the strain direction under
a slowly increasing uniaxial strain rate 0.35mm/h for 3 days [105]. Muscle hypertrophy and increased protein expression and DNA content were
observed. Thereafter, a vast majority of studies have been attempting to
optimize the strain parameters including direction, duration and frequency
to elicit a desirable cellular response (as shown in Table 2.2).
A systematic study has been carried out by Ahmed et al. [97]. They
investigated the synergistic effect of geometrical confined surface and cyclic
tensile strain (CTS) on myoblast behavior. Briefly, they have configured
six different kinds of substrates: homogeneous FN functionalized substrates
(1MPa) with or without the presence of cyclic tensile strain; substrates with
0◦ line pattern (30µm wide parallel lines with 40µm line spacing) in CTS-free
state; and 0◦ , 45◦ . 90◦ micro-patterned substrates under CTS. Actin fiber
orientation, nuclei aspect ratio and nuclei orientation have been examined.
For homogeneous patterned substrates, cells in strain-free condition showed
no specific orientation and actin fibers extended to all directions randomly,
while cells subjected to CTS tend to reorient their stress fibers around 71.5◦
with regard to strain direction. In the micro-patterned surface under CTS,
24

the stress fiber orientation is demonstrated to be dependent on the line
direction. In 0◦ patterned substrates, stress fibers were observed with 47.9◦
19.5◦ relative to strain direction; in 45◦ lines, cells aligned roughly along
the patterned lines; and in vertically patterned substrates, cells were highly
elongated and aligned along the patterned lines. With respect to nuclei
orientation, nuclei elongated along with the direction of line pattern in all
the micro-patterned substrates but randomly orientated in homogeneous
ones. This revealed that geometrical constraint is the dominant factor in
nuclei orientation in comparison to CTS. Strikingly, striations were only
observed in 45◦ patterned substrates. Given the difficulty of actin striation
on stiff substrates, the results emphasized the importance of certain strain
condition on myogenesis could shield the negative effect of stiff substrates.
Moon et al. have generated 3D collagen-based acellular tissue scaffolds
with human MPCs [103]. The scaffolds (1.5 × 0.3 × 0.3 cm3 ) were subjected
to stretch and relaxation of 10% of their initial length and were stretched
3 times/min for the first 5 min of every hour from day 5 to 3 weeks in
vitro. Scaffolds under static culture were run in parallel as control and were
analyzed on 5 days, 1, 2 and 3 weeks. As indicated by histological studies,
unidirectional cell alignment was observed in the constructs with mechanical
stimulation within 1 week, while which was absent in static culture. After
3 weeks of mechanical stimulation, the scaffolds were able to generate contractile forces, but not statically cultured control tissues. The MPCs-seeded
scaffolds were subsequently implanted onto the latissimus dorsi muscle of
mice after 1-week mechanical stimulation. The scaffolds were retrieved on
week 1 to 4. As illustrated by immunostaining and H&E, scaffolds with
mechanical stimulation displayed superior cell alignment in comparison to
control group. The scaffolds generated tetanic and twitch contractile re-
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sponses with a specific force of 1% and 10%, respectively, of that observed
on native latissimus dorsi after 4 weeks. In a recently published study,
Aguilar-Agon et al. has investigated the effect of mechanical loading on
mediating skeletal muscle hypertrophy of 3D collagen-based skeletal muscle
model using C2C12 cell line [101]. A continuous increasing load was applied
to the engineered construct to achieve 15% stretch in 1h, thereafter the construct was left under tension (15% stretch) for another 2hs. The mRNA
expression of IGF‐1, matrix metalloprotease 2 and 9 (MMP‐2, 9), MuRF‐1
and MAFbx after mechanical overload 0, 21, 45h were examined. IGF‐1
mRNA was significantly upregulated after 21h and 45h mechanical loading. Similarly, MMP‐2 mRNA was observed with increased expression 21 hr
after loading. However, MMP‐9 mRNA was remained unaltered. A significant decrease in ubiquitin ligase MAFbx was spotted 45 hr after mechanical
loading, while MuRF‐1 mRNA expression remained relatively stable. The
results of immunoblotting reported the increased in phosphorylation of Akt,
p70S6K, and 4EBP‐1 of mechanically loaded scaffold. In addition, the immunostaining demonstrated the increased in myotube size and fusion, which
was indicative of the myotube hypertrophy. Furthermore, the functionality
of the muscle was assessed by measuring the tetanic force. The force production increased in a step-wise manner after 21h (140%) and 45 hr (265%)
mechanical loading in comparison to the unloaded ones. Taken together,
these studies demonstrated the efficacy of mechanical stimuli on promoting
myogenesis and force production. However, the strain regimen should be
further considered.
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2.1.2.7 Electrical stimuli
Neuronal stimulation is essential for skeletal muscle maturation and contraction. Using electrical pulse stimulation as a surrogate to elicit desired
muscle contraction has been widely investigated. Tremendous efforts have
been devoted to optimizing the electrical stimuli (ES) protocol to better
facilitate skeletal muscle activity and ameliorate muscle damage during the
chronic stimulation period. A plethora of different ES protocols has been applied in 2D monolayer culture, which can be referred to [106]. High-voltage
stimulation (2–2.5V/mm) or frequencies over 3Hz was detrimental to 2D
C2C12 muscle cells [107]. A multitude of studies both 2D [108, 109] and 3D
[110, 111, 107] have demonstrated that electrical stimulation advances the
differentiation and maturation of muscle cells, promotes force production
[112].
A pioneering study carried out by Brevet et al. [113] reported that ES
(14h-48h, 0.6s train of 10- to 25-ms biphasic pulses delivered every 4s for 7
hours in total) rendered an increase in myosin accumulation and contractile
protein synthesis in comparison to non-electrical stimulated control group.
Langelaan et al. investigated the ES effects (4 V/cm,6 ms pulses at a frequency of 2 Hz) in 2D and 3D culture with long-standing cell lines C2C12 and
primary cell source: muscle progenitor cells (MPCs) [114]. The remarkable
difference in maturation level between the two cell types was identified by
cross-striations and expression levels of mature myosin heavy chain (MHC)
isoforms, indicated that MPCs constructs were more susceptible to ES.
A notable study published recently by Khodabukus et al. has investigated the effects of electrical stimulation on human engineered muscle structure, function and metabolism [115]. The model was electrically stimulated
with intermittent stimulation at 1Hz and 10Hz after 1-week differentiation.
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Notably, the 7-day electrical stimulation significantly increased nuclei numbers, muscle bundle size, as well as glucose and fatty acid metabolic independent of frequency. Moreover, a 3-fold higher twitch and tetanic force were
found with electrical stimulation in comparison to the non-stimulated controls. Strikingly, the specific force was increased to 19.3 mN/mm2 (1 Hz),
yielded the highest value reported hitherto for human engineered tissues.
Upregulation of several sarcomeric proteins including dystrophin, myosin
heavy chain, and sarcomeric α-actinin indicated the maturity of the myotubes, which is consistent with previous studies.
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2D

2D

or

Uniaxial CTS

Uniaxial CTS

Uniaxial CTS

stetch

Equibiaxial

CTS

equibiaxial

Uniaxial

stretch

Uniaxial

Strain type

fibroblasts

fibronectin

Adipose-derived
stem/stromal cell

Collagen I coated

substrate

rBMSCs

human gingival

C2C12

Mouse BMSCs

ASCs

C2C12

C2C12

coated with

Silicone sheets

collagen type I

precoated with

membrane

Silicone

plates

Collagen-coated

Collagen I

membrane

C2C12

proNectin coated

18 days (from d3- d21)

11% , 0.5 Hz, 1 h/day,

up to 7d

0.33, and 0.50 Hz)

(0.08, 0.17,

10%,

10%, 1Hz for 24h

1 h/d for 2d or 5d

12%, 0.7 Hz,

for 48h, then 3d rest

1s strain and 1s rest

15%. 0.5Hz,

(3 h on, 3 h off)

stretch regime of 2–6%

by a uniaxial intermittent

MPC

collagen I

tion

Amplitude, frequency, dura-

0-2% (2d) followed

Cells

• Increased expression of desmin, myoD and MHC

• Cell aligned at almost 45° to the direction of strain

myogenin-positive myotube formation

• Upregulation of Myf5 and MRF4, myosin- and

types aligned perpendicular to strain direction

• mBMSCs aligned parallel to strain vector while other cell

• 0.17Hz resulted good cell alignment

MyHC2, MyoG expression.

• The addition of mechanical stimuli upregulated MyoD,

less effect on myogenic differentiation

• Compare to chemical treatment, mechanical factor has

• Cell alignment perpendicular to strain direction.

• 5d: increase in myotube diameter and area (>2 fold)

• 2d: no significant change in myotube area and diameter

• Increased myoblast differentiation and myotube formation

• Uniaxial: cell aligned perpendicular to the strain direction

• Equibiaxial: no cell alignment;

• Maturation inhibited

• No cell alignment

Key feature

Overview of mechanical stimuli on skeletal muscle.

Laminin

Materials

Table 2.2:
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3D

Static strain

Uniaxial CTS

Uniaxial CTS

Uniaxial CTS

Uniaxial CTS

Uniaxial CTS

Strain type

activation of ERK
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Collagen

Fibrin
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C2C12

C2C12

C2C12
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cells

scaffolds

Fibrin

muscle precursor

Primary human
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acellular tissue

Cells

Materials
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• Increased myotube fusion and size, force production
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• Increase expression in IGF1 and MMP-2,
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specific force of 1% and 10%

generated tetanic and twitch contractile responses with a

implantation showed that constructs

• Analysis of tissue constructs retrieved 1 to 4 weeks post-

• Unidirectional orientation

Key feature
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(3 h on, 3 h off)
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from 5 days to 3 weeks

of every hour

the first 5 min

10%, 3 times/min for

tion
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[101]

[123]

[104]

[116]

[103]
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2.2 Spatial exploration of constructing skeletal muscle tissue
The efforts in the 2D study have greatly helped to establish the fundamental understanding of muscle regeneration mechanism and to analyze and
identify the influential parameters such as pattern size and shape on myogenesis. However, with the absence of cell-cell interaction, cells in 2D culture
are inadequate to reflect the 3D culture conditions. Given its deficiency
in thickness and shape flexibility, it is challenging for direct clinical application, and it is impractical to achieve functional tissue from 2D culture.
Thus, recent studies experienced a dramatic paradigm shift from 2D to 3D
platform.

2.2.1 3D geometrical confinement
Through precise control over geometry, Aubin et al. have generated 3D
cell alignment within gelMA hydrogel [124]. NIH 3T3-laden gelMA (5%)
solution was micropatterned onto PEG-coated glass slides and followed by
UV crosslinking for 20s, resulting micropatterned gelMA hydrogel with a
thickness of 150 µm and varied width from 50 µm to 200 µm. Consistent
with previous findings, the narrower width produces better cell alignment.
To better assess the influence of cell types, they further extend the study
to C2C12, HUVEC and rodent cardiac side population cells (CSP), all of
which form aligned, highly organized tissue in vivo. Human liver carcinoma cells (Hep-G2), which does not form unidirectional organized tissue,
was utilized as control. As revealed by F-actin staining, HUVEC, C2C12
and CSP cells aligned longitudinally to the patterned hydrogels, whereas
Hep-G2 fail to organize into aligned constructs. The study suggested that
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given appropriate geometrical features, cells with the intrinsic potential to
align in vivo will spontaneously form aligned, elongated constructs in vitro.
With a larger geometry, Costantini et al. have investigated the influence
of geometrical confinement and mechanical stiffness on the 3D GelMA hydrogels regarding myogenesis. Through varying the polymer concentration
(3%, 4%, 6%, 8%) and crosslinking degree (4 min UV or 5 min UV), they
have formulated a set of GelMA with varied mechanical properties ranging
from 1 to 17kPa. GelMA hydrogel with three different cross-section: 2000 ×
2000 µm, 1000 × 1000 µm, 500 × 500 µm was fabricated with PDMS mold
and 2 × 107 cells/ml of C2C12 were encapsulated. The results revealed that
cells underwent rapid spread at the lower concentration of GelMA (3%, 4%),
while limited spreading was observed at higher concentration (6%, 8%). In
terms of geometry confinement, smaller cross-section resulted in better cell
alignment and more homogeneous myotube distribution. Cell-mediated gel
compaction along with the decreased cross-section was observed in all the
groups. The study underlined the crucial role of mechanical property and
geometrical features in constructing 3D muscle tissues.

2.2.2 Electrospun fibers
By presenting the cells with micro- or nano-scale topological cues, aligned
fibers enable the mimicking of native anisotropic structure to align myoblasts
in a highly efficient manner, thus gain great attention for skeletal muscle
regeneration [125, 126, 127]. Huang et al. have examined the effect of
nanoscale and microscale substrates on regulating cell behavior and myogenesis [128]. They fabricated the PLLA nanofiber scaffolds and stretched uniaxially to 200% deformation in length at 60 ◦ C to achieve aligned nanofibers
(Figure 2.3b). 2% gelatin or fibronectin was coated on the surface of the
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scaffold to facilitate cell attachment. The randomly oriented nanofibrous
scaffold was employed as control. Moreover, patterned PDMS membranes
with parallel microgrooves (10 µm wide and apart, 2.8 µm deep, 1cm in
length) and non-patterned membranes were prepared to determine the effect of micro-scale features (Figure 2.3a). The PDMS substrates were oxygen
plasma treated, followed by 2% gelatin coating. Similarly, cells on both patterned PDMS substrate and aligned nanofibrous scaffold yielded myoblast
alignment and enhanced myotube maturation in comparison to the nonpatterned and randomly oriented ones. Notably, the myotube length on
aligned nanofibers (1.8 ± 0.3 mm) was more than twice the length on micropatterned substrates (0.7 ± 0.1 mm), which suggested that nano-scale
feature is more efficient than micro-scale in promoting myotube assembly.
In terms of the nanofibrous scaffold, technologies such as drawing, phase
separation, templating, self-assembly allow the production of fibers as well.
Details discussion over these technologies could be found in the literature
[40]. Here, we confine the scope to electrospun fibers. The electrospinning
technology has been well established and has been discussed in detail by several prominent reviews with respect to fundamental principles, compatible
materials, effects of influential processing parameters among other variables
[129, 130, 131, 132]. Fine adjustment over flow rate, needle size, collector
type and electric field allows the generation of fibers with varied size-scale
(from nano- to micro-) and shapes including randomly oriented fiber mesh
[133, 134, 135], tubes [136], arrays [137, 138], and cylinders [139]. It is well
acknowledged that aligned fibers are superior to randomly orientated ones
in promoting cell alignment [140, 141, 142, 143, 144], which represents the
essential and fundamental step of skeletal muscle regeneration. Guex et al.
has prepared aligned and randomly oriented micron (3.3 ± 0.8 µm,) or nano
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(237±98 nm) featured fibrous poly(e-caprolactone) non-wovens through electrospinning [145]. Plasma coating (nanometer thick) was applied to modify
the surface. The results revealed that both aligned nano- and micro-scale
fibers induced myoblast alignment, highlighted the dominant role of fiber
orientation rather than fiber size over the cellular arrangement. Moreover,
evidenced by DNA quantification on day 3, 5 and 7, cell numbers on plasmacoated substrates were significantly elevated on all three days in comparison
to the non-treated, which suggested that chemical modification is effective
on promoting cell adhesion.
In order to improve the muscle tissue regeneration, surface coating was
utilized to improve the biocompatibility with several ECM-proteins, such as
gelatin [128, 148, 149], Matrigel [135], collagen [150, 135, 151], laminin [150]
and fibronectin [128, 148, 135]. Zahari et al. electrospun PMMA nanofibers
and coated with laminin or collagen, in the presence or absence of genipin.
A mixture of myoblasts and fibroblasts were seeded on the surface of the
scaffold. The results demonstrated the remarkable myoblast proliferation
and migration on the laminin-coated scaffold, while the collagen-coated surface was more supportive for fibroblasts. The results underscored the critical importance of the chemical environment for promoting cell attachment
and proliferation. Riboldi et al. discovered that coating types modulate
cell behaviors [135]. The author investigated the difference on coated collagen, fibronectin, Matrigel with varied concentration and uncoated DegraPols
slides with immortal cell lines (C2C12 and L6) and primary human satellite
cells (HSCs) in terms of cell viability, adhesion and differentiation. Surprisingly, C2C12 and L6 are more favorable of Matrigel (130µg/ml) coated
membranes, while uncoated DegraPols tend to be more HSCs-permissive.
Different chemical affinities between integrin receptors and the ligand bind-
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Figure 2.3: Electrospun fibers for skeletal muscle regeneration. a)Myoblast alignment
and myotube organisation on a micropatterned PDMS substrate. b)Myoblast alignment
and myotube assembly on an aligned PLLA nanofibrous scaffold (Reprinted with permission from Ref. [128]. Copyright (2006) American Chemical Society). c)SEM images
of PCL/PANi nanofibers with varied PANi concentration. d)Immunofluorescence staining for MHC of PCL/PANi nanofibers with varied PANi concentration (Reprinted with
permission from Ref. [146]. Copyright © 2012 Elsevier Ltd). e.Fluorescence images of
DAPI/MHC staining at days 7, 14, and 21. f.Optical and DAPI/sarcomeric �-actin staining images after 21 d of culture (reproduced with permission from Ref. [147]. © WILEYVCH Verlag GmbH & Co. KGaA, Weinheim g)Immunostaining of pre-vascularized scaffolds in VML defect (reproduced with permission from Ref. [46]. © 2018 Elsevier Ltd).

ing domains of different protein coatings may be the explanation for the
disparate cell behaviors.
Both natural and synthetic polymers can be processed into fibers [152,
153, 154], collagen [134, 155, 156, 157], chitosan [158, 139], gelatin [159, 160,
161, 162] and fibrin [46, 163], silk fibroin [164, 126] have been electropun
independently or co-electrospun with synthetic polymers such as PCL, PLA,
PLLA and so forth [165, 166, 167, 158, 168]. The incorporation of natural
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polymers greatly enhanced cell adhesion.
As revealed by many researchers that electrical stimulation is conducive
for promoting myotube formation and maturation, conductive materials such
as carbon nanotubes, silver nanoparticles, gold nanoparticles, graphene oxide (GO), polyaniline and Poly(3,4‐ethylene dioxythiophene) (PEDOT) are
frequently incorporated to endow the scaffolds with electrical properties
[169, 170, 171, 127, 172, 173, 174, 175]. Ku et al. has incorporated PANi
into PCL polymer (200mg/ml) to fabricate conductive nanofibrous scaffold
[146], and investigated the synergistic effects of topological and electrical
cues on myoblast behavior. PANi with varied concentration from 0-3mg/ml
was added and randomly orienteud fibers were used as control (Figure 2.3c).
The results demonstrated that cellular organisation has been steered by fiber
orientation, and thus myotube direction, which is in good accordance with
the previous research. Moreover, cell growth and proliferation were similar
in all the groups, independent of fiber orientation and PANi concentration.
While reflected by MHC expression and gene expression, fiber orientation
and PANi concentration has shown significant impact on myoblast differentiation (Figure 2.3d). Chen et al. have also investigated the combined
effects of topological guidance and electrical cues on myoblast behavior systematically [141]. The results added more evidence to the effectiveness of
eliciting the desired cellular response of incorporating electrical cues.
A great deal of studies have reported the great potential of electrospun
fibers on skeletal muscle regeneration. However, in most cases, densely
packed fiber scaffolds lead to slow cell infiltration rate, which precludes the
further application of the technology and render the fibrous scaffolds most
likely to function as 2D surfaces. A growing body of studies have reported
the cell migration inside fibrous scaffolds [176, 163, 177, 178, 179]. Jin Nam
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et al. [180] married salted leaching with electrospinning to induce engineered
delamination into 3D engineered scaffold. Cells infiltrated into the electrospun fiber through the salt generated pores. Over a 3-week culture, up to
4 mm of cellular infiltration was observed. Another strategy utilized sacrificial fibers to increase porosity and therefore cell infiltration. Through the
involvement of PEO with varied content from 5% to 80%, Baker et al. have
introduced a composite fibrous scaffold using dual-polymer electrospinning
process[177]. Individual PEO fibers were interspersed within the composite
fibrous scaffold. The mechanical property can be adjusted by varying the
PEO ratio. Cells infiltration occurred along with the removal of sacrificial
fibers. This method has demonstrated the feasibility of controlling cell infiltration into PCL fibrous scaffold, yet the cell distribution still remains to
be challenging. Regarding this problem, Yeo et al. fabricated the cell-laden
nanofibrous bundle via cell electrospinning with alginate/PEO [147]. Weight
fractions, processing parameters have been optimized to achieve an electrospinnable material and highly aligned structure with homogeneous cell distribution. In comparison to cell printing strategy, cell electrospinning has
greatly improved the cell elongation, alignment and differentiation, highlighted the massive potential application of cell-electrospun scaffold (Figure
2.3e,f).
Vascularization has been a long-standing challenge in engineered thick
tissues. The absence of proper vascular networks would eventually lead to
necrosis in the central part of the tissues. Gilbert et al. generated electrospun fibrin scaffolds with 15% alginate owing to its similar stiffness to
native tissue and functioned as a sacrificial polymer to induce porosity for
better cell infiltration [46]. Two types of scaffolds include “spread” and
“bulk” were prepared. C2C12 was used to examine the in vitro perfor-
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mance of the scaffolds. Surprisingly, in both types, densely aligned MHC+
myotubes, multinucleation and sarcomeric striations were confirmed with
immunostaining. Notably, spontaneous contraction was also observed. The
C2C12-seeded scaffolds were subsequently transplanted into TA muscle defect in mice for 2 or 4 weeks. After 2 weeks, both bulk and spread scaffolds
yielded significant regeneration, evidenced by the densely populated MHC+
myofibers and abundant network at the graft area. Myofiber density experienced dramatic increase while capillary network density remained steady.
Myofiber showed an average diameter of 23µm, which is roughly half of
native myofiber. To better serve large muscle defect, the pre-vascularized
scaffolds were prepared by co-cultured human endothelial cells and human
adipose-derived stem cells on the C2C12-seeded scaffolds for 11 days. The
scaffolds were therefore transplanted into VML defects and harvested after
10 days. Notably, as demonstrated by Ms-CD31 and DAPI, implanted electrospun scaffolds successfully anastomosed with host vessels and exhibited
perfusion by host red blood cells (Figure 2.3g).

2.2.3 Porous hydrogel
In order to maximize the potential therapeutic effects of cells, a proper matrix for cell delivery is appealing. An engineered matrix is supposed to locate
the cells to the injury site and improve the cell retention, offer instructive
cues to enhance integration with host tissues, promote myogenesis, angiogenesis and neurogenesis, and degrade in a controlled manner to allow the
new tissue ingrowth [181].
Owing to their high water content, biocompatibility, tunable chemical
and mechanical properties, hydrogels have been widely explored for regenerative medicine and tissue engineering applications [182]. Over the past
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decades, researchers have sought to maximize the potential therapeutic utility of cells and signaling factors by developing biomaterial-based strategies
that support and guide skeletal muscle repair processes. Numerous materials such as dECM hydrogel [11, 183, 184, 44], collagen [185, 186, 101],
gelatin methacrylol(gelMA) [187, 68], chitosan-based [188, 189], hyaluronic
acid (HA) [190], fibrin [34, 37, 191], PEG-based [192, 193], Keratin [194, 195],
have been investigated (as listed in Table 3).
Although hydrogels exhibited great potential in tissue engineering applications, the disorganized and isotropic network structure has precluded their
widespread adoption in engineering oriented tissues. Most of the hydrogel
scaffold is assisted with external stimuli to elicit a desired cellular response
and cellular arrangement. Plenty of strategies have been employed to form
biomimetic fascicle-like structures with hydrogels resembling that of native
muscle tissue. Anchoring is broadly used. By applying passive tension on
the hydrogel scaffold, myoblasts within the 3D matrix are promoted to fuse
into multinucleated myotubes, ultimately form a uniaxially, aligned fiber
bundles [111, 28, 213]. In addition, mechanical stimulation [101], magnetic
stimulation [228] and geometrical confinement [210], are recognized to be
effective in facilitating myoblast alignment within hydrogel.
Fibrin has been identified to be one of the best matrices for skeletal
muscle cells embedding. Huang et al. developed a self-organized myoblastencapsulated 3D fibrin scaffold [111]. The fibrin gel was fixed with two
silk sutures pinned at each end of the plate. Myoblasts were seeded and
differentiated on top of the fibrin gel. Cell-mediated contraction of the gel
culminates 10 days after plating. The contractility was measured after 14
days.
The engineered tissue generated a maximum twitch force of 329±26.3 µN
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and a maximal tetanic force of 805.8 ± 55 µN when electrically stimulated.
Interestingly, the addition of IGF-I with the varied amount (25, 50, or 75
Table 2.3: Hydrogels in skeletal muscle tissue engineering.
Materials

Cells

Ref

C2C12

[196, 197, 198]

Primary myoblasts

[199, 200]

Satellite cells

[201]

RASMC and C2C12

[184]

C2C12, NIH-3T3

[202, 203]

C2C12

[183]

HUVEC,human skeletal muscle cells

[204]

Primary myoblasts

[111, 205, 186]

C2C12, hMPCs

[206]

Human muscle cells

[207]

Human myoblast

[208, 28]

Neonatal rat myoblast
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ng) in the fibrin gel resulted in 50, 36, and 31% increases in force production compared to untreated 3D tissue. Although the diameter of myotubes
formed did not exceed 10 µm, the study has shed light on the development
of in vitro 3D skeletal muscle tissue.
Gholobova et al. have generated endothelial network within a fibrinbased bioartificial muscle (BAM) which has been discussed above [48]. In
a recent study, they have applied the model to drug testing [28]. The engineered muscle was fabricated based on the well-established protocol by
encapsulating C2C12 mouse myoblasts, human myoblasts or human mixed
muscle cells in fibrin gel in a silicone mold containing 2 attachment points respectively. The engineered tissues were maintained in growth medium for 2
days and subsequently switch to differentiation medium, and kept for 7 days
before the injection. Multiple compounds including a dye (Trypan blue), a
hydrolysable compound CDFDA, a reducible substrate (pro − N anoLuc)
and a wasp venom toxin (mastoparan) were selected. Direct reflux, release
and metabolism were characterized in BAM comparison to 2D cell culture
and isolated human muscle strips. The authors started with the parameter
optimization of the BAM (1mg/ml fibrin with a thickness just below 2mm)
to enable up to 1 µl per injection site, the concentration of the injected compound to ensure they were detectable, and direct reflux when removing the
needle with Trypan blue. Creatine kinase (CK) is an intracellular enzyme
which releases upon cell damage. Mastoparan (1µl, 1mg/ml), a wasp venom
peptide was injected once or four times to BAM. HBSS was injected as a
control group. CK release in BAM was in a dose-dependent manner. With
regard to CDFDA and pro-NanoLuc, 80% of CDFDA was released after
1.5h, while only 40% of pro-NanoLuc release was detected. The disparate
release profile between BAM and 2D cell culture has highlighted the benefits
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of the 3D BAM in drug release and toxicity testing.
Aside from passive tension, mechanical stimulation or geometrical restriction, thermally induced phase separation followed by free-drying is an alternative to creating anisotropic microporous scaffolds that enable myoblasts
alignment and thus oriented myotube formation [188, 229, 230, 231, 232].
Leveraging on directional freezing technique, Jana et al. has developed the
3D uniaxial tubular porous scaffolds made of chitosan [188]. Briefly, chitosan solution was poured into a cylindrical Teflon mold which has a metal
cap on one end and a Teflon cap on the other. During lyophilization, the
Teflon cap was maintained at 25 ◦ C, and the other was kept in low temperature to establish a temperature gradient that allows the formation of tubular
porous microstructure within the scaffold. The effect of the polymer concentration (4, 6, 8, and 12 wt%) and freeze-drying temperature (metal cap
temp: -20 ◦ C, -70 ◦ C and -180 ◦ C) on the scaffold properties (structural
and mechanical) were investigated. The results demonstrated that the pore
sizes range from 200 to 500 µm, 30 to 250 µm, and 10 to 50 µm under -20
◦

C, -70 ◦ C and -180 ◦ C, respectively. A similar trend has been observed

between pore size and polymer concentration. The pore size decreases with
increasing polymer concentration. The mechanical property increased when
increasing the temperature gradients. Notably, polymer concentration had
a significant effect on myotube diameter rather than myotube length. Taken
together, the study has introduced a strategy to create unidirectional pores
within the 3D matrix with tunable properties to facilitate the engineering of
oriented tissues.
Taking advantage of shear force, shear-induced alignment is prevalent
in injectable hydrogels. Injectable hydrogels are advantageous owing to the
ease of manipulation, the good shape conformity to the defect site and min-
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imally invasive and is very attractive in controlled delivery. Utilizing pHdependent collagen fibrillogenesis, Nakayama et al. introduced a nanofibrillar collagen scaffold with shear-based extrusion to form aligned fibrils [47].
SEM confirmed that the nanofibrils with a diameter range from 30-50 nm
aligned along a uniaxial direction. C2C12 were cultured on both randomly
oriented scaffolds and aligned scaffolds and went through a 5-day differentiation. Human endothelial cells were used for co-culture with the myotubes
for another 4 days. As demonstrated by the immunostaining of MHC, the
aligned scaffolds gave rise to the formation of longer myotubes in comparison
to the randomly oriented scaffolds. Notably, the average length of myotubes
was further promoted from 510 ± 60 µm to 760 ± 10 µm in the presence of
endothelial cells. Additionally, the aligned endothelialized engineered scaffolds exhibited more striated myotubes than randomly oriented scaffolds.
Notably, aligned endothelialized engineered scaffolds demonstrated greater
contractile magnitudes and more highly synchronized movement. Increased
secretion of angiogenic and myogenic cytokines by endothelial cells were
observed in engineered skeletal muscle formed from aligned scaffolds. To
evaluate the therapeutic efficacy, the scaffolds were implanted to mice for
regenerating TA muscle defect.
Similarly, in extrusion-based bioprinting technology, it capitalizes on
shear force to promote cell alignment and have been reported to be effective.
This will be discussed separately in the later sections.

2.2.4 Combinatorial effects of fibers and hydrogels
Fibers and hydrogel matrices have been broadly exploited individually to
regenerate muscle tissue due to their ability to mimic the native tissue properties. However, the low cell infiltration rate in fibrous scaffold and poor
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mechanical property of hydrogel scaffold have impeded further application.
This intrigued the interests in investigating the combined multiscale effects
by integrating the fibrous structure and porous hydrogels into one single
platform [233, 234, 235, 222, 236, 237]. The hybrid constructs enable the
incorporation of nano- or micro-scale features to guide cell alignment and
reinforce the mechanical property simultaneously. Several configurations
of fiber/hydrogel scaffolds have been delineated by [234]. Generally, laminated sandwich structures by stacking fiber sheets between hydrogel layers
[235, 238], or the core-shell structure by encapsulating fibers in hydrogels
are most commonly used [222, 237]. One simple study has been reported
by Jana et al.[235]. They have introduced a laminated structure with chitosan scaffold bands placed on top of aligned chitosan/PCL nanofibers. The
chitosan scaffold band width is 20 µm, spacing between two bands range
from 50-100 µm. Fiber diameter lies between 100 and 150 nm. Over a
6-day culture, control group with chitosan-PCL film substrate showed an
unorganized cell distribution. Both C2C12 cells on the pure nanofiber substrate and on the substrate with nano- and micro- topology were observed
with remarkable cell alignments, while the lateral has been demonstrated
with better MHC expression. The results signified that nano-scale feature
is dominant in promoting myoblast alignment and elongation, while the
combination of nano- and micro-scale feature induces late stage myogenic
maturation. Similar study was published by Cha et al [219]. Taken together
the PEG patterning and electrospinning technology, they have developed a
dual-scale cell culture system which is composed of aligned PCL nanofiber
sheet with micro-patterned surface. The PEG hydrogel pattern was set at
100 and 200 µm with pattern interval fixed at 200 µm. The fiber substrates
were fabricated in three different orientations: random, perpendicular and
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parallel to the PEG line pattern. C2C12 cells were then seeded on the scaffold. Notably, on the perpendicularly oriented fibers, over 70% of cells were
dispersed ± 10◦ of the fiber orientation; while on the paralleled fiber substrate, cells are observed with more than 90% aligned to the fiber direction.
The nuclei orientations were more likely to be affected by nanofiber direction, which confirmed that nano-scale feature is dominant in comparison to
micro-scaled one. Further, MHC expression was quantitatively examined
by relative intensity of MHC expression against the cell number. On randomly oriented fiber substrates, negligible difference of MHC expression was
spotted between 200µm and 100µm. On patterned fibers, higher expression
was observed on 100µm than 200µm, indicated the importance of narrower
patterns on myogenesis.
These studies have highlighted the benefits of the co-existence of nanoand micro-scale features. However, they failed to create a real 3D structure
and lack of cell-cell interactions.
Also modeling native skeletal muscle structure, Ling Wang et al. developed a 3D core-shell composite scaffold [222]. Specifically, the core-shell
composite scaffolds, in which the aligned nanofiber PCL/SF/PANi yarn
(NFY) core was ensheathed by poly(ethylene glycol)-co-poly(glycerol sebacate) (PEGS-M) hydrogel. By adjusting the drawing speed, a series of NFY
with varied diameters (50, 100, 165 µm) have been fabricated. The PEGSM hydrogel column possesses a diameter of 550 µm and stiffness around
11 ± 3 kPa. C2C12 cells were seeded on NFY for cell attachment for 24h,
then coated with the hydrogel. The results demonstrated significant cell attachment and elongation after 24h. Evidenced by the increased aspect ratio
of cells from 5.8 on the NFY to 8.5 after a 2-day culture in the hydrogel.
The results highlighted the synergistic effects of nano- and micro-features.
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To better recapitulate the native structures, the author has extended the
core-shell structure with two orthogonal layers of parallel aligned NFYs encapsulated in the hydrogel sheet. As revealed by the optical images, cells
were fully filled the peripheral surfaces of these NFYs within the 3D hydrogel
sheet over 3 days culture. Taken together, the results suggested the feasibility and potential of constructing 3D environment for directing cell alignment
with core-shell scaffolds that encompass both nano- and micro-scale features.
Generally, taken together fibrous structure and water-enriched hydrogels, the fiber/hydrogel scaffolds endow the cells with topological cues and
present a 3D cell favorable environment with improved mechanical property.
However, most of the studies made no reference to the cell infiltration problem which still remains to be one of the critical challenges of such culture
systems.

2.2.5 3D bioprinted skeletal muscle tissue
3D bioprinting had rapidly developed into a flexible tool in recent years.
Exquisite spatial control over materials, cells and exogenous signaling render 3D bioprinting particularly attractive to generate 3D in vitro hierarchical
functional tissues. Incorporating specific cell types, growth factors and permissive materials, 3D bioprinting has achieved some remarkable progress
in cartilage [239], eye [240], bone [241], cardiac[242], nerve [243], vascular
networks [244, 245], and muscles [246], in terms of structural heterogeneity
and multi-cellular environment. The layer-by-layer printing manner endows
great flexibility to the constructs.3D bioprinting allows the precise position
of cells, materials and functional molecules at the desired place in a predesigned structure, and thus enables the construction of reproducible and
scalable heterogeneous tissues which could possibly recapitulate the com-
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plexity of native tissues. The frequently used extrusion-, droplet- and laserbased technologies have been reviewed by loads of experienced researchers
[247, 248]. Among all the techniques, extrusion-based bioprinting has been
frequently employed due to the ease of manipulation, cost-effectiveness and
broad material choices. The selection of bio-ink plays a pivotal role in bioprinting. Basically, the bio-ink is supposed to be printable, biocompatible,
compliant mechanical property and degradation rate that could match the
speed of tissue growth [249, 250]. Both natural and synthetic materials have
been widely explored and adapted to meet the requirement of bioprinting.
Herein, we critically review the state-of-art progress of bioprinted muscle
tissues in terms of materials, cells, structures and functional recovery.
Choi et al. have developed skeletal muscle tissue model using dECMbased bio-ink with bioprinting to control the cellular organisation [183]. PCL
was deposited at the end of the constructs as geometrical constraints, applying passive tension to the cells within the constructs. Cellular orientation
was analyzed with varied linewidth (500 µm, 1500 µm, 5000 µm). The results
demonstrated that linewidth of 500 µm yielded the best cellular alignment
and cell alignment was significantly increased over time (as shown in Figure
2.4a). Particularly, cells were initially randomly organized in the linewidth
of 5000 µm, after 7-d differentiation, nearly 60% cells were elongated and
aligned (Figure 2.4b). In comparison to constructs printed with collagen,
a higher level expression of Myo5, MyoG, MyoD and MHC was observed
in dECM-based bio-ink printed constructs. Moreover, striation spotted in
dECM-based bio-ink printed constructs was indicative of the maturation of
the constructs. Notably, Agrin, which is a functional ECM molecule participating in NMJ development, was detected in dECM bio-ink, gave rise
to a remarkable number of α-BTX+ cells in dECM-based bio-ink printed
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constructs. Together with the bioprinting presented topological cues, the
dECM bio-ink maybe advantageous in promoting skeletal muscle regeneration. Given the outstanding performance of dECM bio-ink, the authors
have further evaluated the therapeutic effect on VML model in a recently
published study [204]. The skeletal muscle dECM (mdECM) and vascular
dECM (vdECM) bioinks were derived from porcine tibialis anterior (TA)
muscle muscles and descending aortas, respectively.
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Figure 2.4: 3D bioprinting in skeletal muscle tissue engineering. a)3D printing of
dsECM bio-ink to promote myoblast alginment. b)Cellular orientation in muscle construct with varied linewidth on day 1 and day 7 (Reprinted with permission from Ref.
[183]. copyright WILEY-VCH Verlag GmbH & Co. KGaA, Weinheim). c)3D cell printed
prevascularized muscle construct with dsECM and dvECM bio-in k through co-axial
printing. d) Immunostaining of different muscle constructs. e.Immunostaining of prevascularized constructs retrieved from VML injured TA muscle model. f. Immunostaining showing the vascularization of TA muscles treated with different muscle constructs
(Reprinted with permission from Ref. [204]. copyright 2019 Elsevier Ltd). h.The bioprinted constructs with dimension up to 15×15 ×15 printed with ITOP system. i) Double
immunofluorescence analysis of bioprinted muscle constructs on newly formed muscle. j)
Immunofluorescence of vascularization and neural integration of the implanted constructs
(Reprinted with permission from Ref.[251]. Copyright copyright 2018, Springer Nature).
l.Microfibrous Bundle Structure Fabricated Using an Electric Field-Assisted/Cell Printing. Adapted with permission [252]. Copyright (2018) American Chemical Society). m)
3D cell printing process using the Gly/KCl buffer solution. n) Immunofluorescence staining of DAPI (blue)/MHC (green) after 7, 14 and DAPI(blue)/sarcomeric α-actinin (red)
images after 14 and 21 days of cell culture. Adapted with permission [253]. copyright
2019 Elsevier B.V.).

Due to the low viscosity and weak mechanical property of the dECM
bioink, gelatin granule-based (181.21±73.38 µm) printing reservoir was used
as supporting bath and as sacrificial materials to generate microchannels.
PVA was added into the gelatin granules as a coagent to rapidly polymerize
the dECM bioink to facilitate 3D stacking. A well-organized 3D skeletal
muscle tissue in a dimension of 15 × 6 × 4mm using human skeletal muscle
cells was printed. dECM sponge and bulk dECM hydrogel with same dimension were prepared in parallel as control. In vitro study with pimonidazole
showed that significant hypoxia occurred in bulk dECM hydrogel. The three
types of constructs were then implanted into VML (40%) mice models for
regeneration capacity assessment. The 3D printed constructed yielded 71%
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recovery compared to uninjured tissue. In order to maximize the therapeutic
efficacy, vdECM bio-ink and HUVECs were incorporated to fabricate the
prevascularized muscle constructs (Figure 2.4c). The two different cell-laden
bio-inks were deposited simultaneously with a coaxial nozzle to create coreshell structure as shown in Figure 2.4c. Constructs with muscle cells only
and and constructs that were made of simply mixing of both cell types and
both bio-inks. MHC and CD31 confirmed the formation of myotube and endothelial network. Specifically, in co-axial printing, myotubes were present
inside and endothelial networks were surrounded in the outer layer, indicating the compartmentalized constructs were achieved (Figure 2.4d). H&E
staining of the constructs retrieved from VML models demonstrated the reduced fibrosis in co-axial printed constructs. MHC staining showed that
the densely packed muscle fibers were more extensively distributed in coaxial printing group in comparison to others (Figure 2.4e). Furthermore, in
coaxial printed group, a remarkable higher number of co-localized hCD31+
and mCD31+ structures was observed, implying anastomoses with host vasculatures (Figure 2.4f). In situ force measurement indicated 85% recovery
in coaxial printed constructs. Taken together, the results suggested that
by presenting spatially inductive cues, printing with dECM bio-ink could
promote de novo muscle formation and functional recovery.
Merceron et al. engineered a muscle-tendon unit with integrated organ
printing (IOP) technology [254]. A customized bio-ink consists of hyaluronic
acid, gelatin and fibrinogen were used to encapsulating cells (C2C12 and
NIH/3T3). Thermoplastic PU and PCL were printed as the scaffolding of
muscle-side and tendon side, respectively, with a 10% overlap to create an
interface. C2C12-laden bio-inks were deposited within the gap of PU and
NIH/3T3-laden bio-inks were localized within the gap of PCL, the printed
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construct (20 mm long × 5mm wide × 1mm high) was further crosslinked
using thrombin for 30min. The mechanical characterization revealed that
the PU side with elastic modulus 0.39 ± 0.05 MPa is more like elastomeric
materials, while the PCL side with young modulus 46.67 ± 2.67 MPa is
much stiffer. The cells were able to survive the printing process and exhibited overall viability over 80% after 1-day culture. After 7 days, the
cell viability slightly increased. Notably, C2C12 aligned anisotropically and
expressed desmin and MHC, indicating their differentiation into myotubes.
On the tendon side, collagen type I deposition was detected. This study
has demonstrated the versatility of the IOP system and the feasibility of
constructing tissues with heterogeneous properties. With this IOP system,
Kang et al. have generated 3D anisotropic muscle tissue constructs (15mm
× 5mm × 1mm) [255]. PCL pillars are printed as scaffolding. C2C12
cells were printed with bio-ink consists of gelatin, fibrinogen, HA and glycerol. Pluoronic 127 was deposited as support and sacrificial material. After
crosslinking with thrombin, the uncrosslinked components including gelatin,
HA, glycerol and Pluronic were washed away. Interestingly, high cell viability and cell alignment were observed in the construct with PCL pillars, while
the constructs without PCL support were not. As demonstrated by MHC
expression, myotubes formation was observed after 7-d differentiation. To
further evaluate the muscle tissue development, the 7-d differentiated constructs were implanted in nude rats subcutaneously, with a common peroneal
nerve embedded to promote integration. Well-organized muscle fibers were
observed in the retrieved constructs after 2 weeks. The presence of acetylcholine receptor (AChR) clusters was confirmed by immunostaining of MHC
and α-BTX. The double staining of α-BTX and neurofilament (NF) demonstrated the nerve integration in vivo. vWF expression revealed the vascu-
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larization throughout the constructs. Electromyography was performed to
assess muscle function. Compound muscle action potential was 3.6 mV, indicating that the muscle was responsive to electrical stimulation, yet still
immature. To determine the therapeutic potential, Kim et al. used the
IOP system to develop 3D muscle constructs with human primary muscle
progenitor cells [251]. The 3D bioprinted constructs (up to 15mm × 15mm
× 15mm) composed of fibrin gel as bio-ink ((Figure 2.4h), PCL pillar as
scaffolding and gelatin as a sacrificial material to create microchannels with
a diameter of 300-400µm. The constructs were cultured for 1 day in growth
medium and 9 days in differentiation medium. In vitro results showed that
the printed constructs maintained high viability throughout the culture period, while cells in non-printed constructs (10 mm × 10mm × 3mm, 30×
106 cells/ml) mostly died at 5 days. Scaffolds maturation was confirmed
by MHC expression. Double-immunostaining of α-sarcomeric actin (α-SA)
and laminin confirmed the presence of cross-striated myofibers, implied the
muscle contractile properties. To optimize the cell density in bioprinted
constructs, bioprinted constructs with varied cell densities (10, 20, 30, and
50 × 106 cells/ml) were implanted subcutaneously in mice. H&E staining
confirmed the presence of constructs for up to 4 weeks. The retrieved constructs were characterized by MHC and human leukocyte antigen A (HLA)
expression. Double staining identified that tissue formation increased with
increased cell density, but the negligible difference was found between 30
million and 50 million. As more cells will increase the oxygen and nutrient
consumption, the result suggested that 30 × 106 cells/ml was the optimal
cell density in bioprinted constructs. To determine the therapeutic potential, the bioprinted constructs with a dimension of 10 × 7mm × 3.6mm
were further applied to TA muscle defect. Strikingly, muscle force was re-
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covered by up to 82% of normal muscle force by 8 weeks. H&E analysis
showed superior myofiber formation and organisation in bioprinted group
and double staining of MHC/HLA confirmed the new myofiber formation
(Figure 2.4i). As evidenced by vWF/α-smooth muscle actin staining, the
bioprinted constructs were well-vascularized at 4 weeks. Furthermore, the
result of triple-staining of NF/AChR/MHC and NF/AChR/HLA indicated
the innervation of the constructs and the integration of the newly formed
myofibers in the bioprinted constructs with the host nerve system (Figure
2.4j). Taken together, the study highlighted the potential of the bioprinted
constructs with the cellular organisation for skeletal muscle regeneration.
Topological cues presented by electrospun fibers have shown great efficacy in promoting cell alignment. Intrigued by this, Yeo et al. have integrated electrospinning and cell printing to fabricate hierarchical scaffolds
with micro/nano features [256]. Through melt-plotting, PCL was printed
into a grid pattern to provide physical support. An adapted electrospinning
approach was subsequently used to generate aligned PCL micro/nanofibers
(AF) onto the plotted struts. This was followed by depositing C2C12encapsulated alginate/PEO bio-ink. PEO was used as leaching material to
release cells and enable cell migration. Constructs with randomly oriented
fibers (RF) and no fibers (NF) were taken as control. The constructs were
rolled up to create 3D free-standing tissues and cultured for 7 days. The
live/dead assay demonstrated that cells survived the printing process and
remained high cell viability over 94% for all types of scaffolds. Over a 7-d
culture, cell number in AF and RF scaffolds underwent a dramatic increase,
which indicated the fibers within the scaffolds largely enhanced cell proliferation. MHC staining on day 3 and 7 demonstrated a better alignment, higher
myotube number and length in AF scaffolds in comparison to RF scaffolds.
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The higher gene expression level of MyoD, myogenin and troponin T in AF
scaffolds than the rest underscored the critical role of fiber alignment in promoting muscle maturation. Similar results were obtained in a later study,
Yeo and Kim [252] generated microfibrous bundle structure with electrohydrodynamic (ETH) process and cell printing using myoblast-laden collagen
bio-ink (Figure 2.4m). 3D PCL fibrous structures were produced with ETH
printing with wet electrospinning. The 3D fibrous bundle was then subjected to uniaxial stretch with varied stretching percentage (0, 20, 40, 60,
80, and 100%) to achieve anisotropic structures, thereafter C2C12-laden
collagen/PEO bio-ink was deposited on the fibrous bundle. Similarly, PEO
concentration (1, 2, and 3 wt % ) was optimized to facilitate cell release,
stable cell attachment and maintain structural integrity. Three different
configurations were designed: aligned, randomly oriented, collagen-coated.
The results indicated similar viability in all the groups, but with varied differentiation. Reflected by MHC staining, cell alignment has been observed
in both aligned scaffolds (Figure 2.4n). Notably, more homogeneous cell
proliferation was achieved on the collagen-coated scaffold. The results indicated that the combination of topological effect and the biochemical effect
is of considerable benefit to promote muscle development and maturation
[77, 252, 256].
Bioprinting allows the generation of 3D constructs with the good cellular
organisation due to the intrinsic strain imposed to the molecules or fibers
when the bio-ink flow through the nozzle. However, the printed filaments
dimension mainly depends on the nozzle size with an average diameter of a
hundred microns. To better recapitulate the native muscle structure, some
other strategies such as microfluidics, material fibrillation, stretching were
engaged to generate more authentic constructs [257, 253, 258, 77]. Kim et
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al. have developed a micropatterned PCL microfiber strut using the microfibrillation/leaching process of PVA from a printed PCL/PVA structure
[257]. Varied PCL/PVA ratio (1:9, 3:7, 5:5, 7:3, 9:1), processing temperature (70, 85 and 100 ◦ C) and applied pneumatic pressure (150kPa, 350kPa)
were examined in order to achieve fibrillated structure. Collagen-coating was
employed to improve the bioactivity. Similarly, leveraging on collagen fibrillation, Kim’s group has recently developed a microfibrous collagen construct
through direct cell printing to induce orientation of collagen molecules, followed by collagen fibrillation to generate the topographical cue [253]. Processing parameters including applied shear stress, moving speed, collagen
weight fraction and a fibrillating buffer solution (KCl and L-glycine) were
optimized to produce a highly aligned cell-laden collagen structure without
compromising cell viability. To determine the effect of surface topology on
cellular activity, C2C12 cells were printed. Printed collagen constructs with
the random surface pattern were used as control. MTT assay and live/dead
staining showed similar cell proliferation rates and high cell survival rate
in both groups. Phalloidin staining identified the unidirectional alignment
in collagen constructs with surface topology, while no cell alignment was
observed in the control group. As demonstrated by MHC and sarcomeric
α-actinin staining and RT-PCR, the collagen structure with aligned morphology outperformed the unaligned collagen in terms of cell alignment,
myotube formation, maturity and the level of myogenic gene expression.
These could be due to the synergistic effect of topological cues and biochemical cues presented by collagen constructs. To further demonstrate the
feasibility of this approach for various tissues, H9C2, hASCs and MC3T3-E1
were investigated. Collagen fiber-induced alignment was demonstrated in all
the group. The results suggested that the technique of cell alignment using
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aligned collagen fibrils can be a new complementary method for regenerating
various tissue systems.

2.3 Temporal control of skeletal muscle regeneration
A major stumbling block that hinders the development of cell delivery is that
cells can hardly survive the harsh environment including the host immune
response and the enzymatic process [181]. Besides cells, a cascade of growth
factors and cytokines are recognized in regulating the different aspects of
the muscle regeneration process [259]. The most effective regulating factors in the myogenic process are growth factor IGF-1 and angiogenic growth
factor VEGF; they both have been reported to positively influence muscle
generation [260, 261, 262, 263]. HGF and FGF2 are shown to be potent
angiogenic factors [264]. Borseli et al. have systematically investigated the
interplay of VEGF and IGF1 within alginate hydrogels for ischemic muscle
regeneration. [261]. Five different configurations including alginate hydrogel
alone, alginate with VEGF or IGF1 or both and bolus delivery of VEGF
and IGF1 (3 µg each) in PBS have been studied. VEGF was released in
a sustained manner, while IGF with a smaller size released faster in vitro.
The results revealed that alginate/VEGF and alginate/VEGF/IGF both increased muscle blood densities compare to untreated and the bolus injection,
IGF delivery showed moderate effect on vascularization in gracilis and negligible effect in tibialis. Moreover, alginate/VEGF and alginate/VEGF/IGF
delivery resulted in 80% and 95% of tissue perfusion, respectively. The
results suggested the crucial role of VEGF delivery from alginate on angiogenesis. IGF delivery exhibited moderate effect in this study, this may due
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to the burst release of IGF. The co-delivery of VEGF/IGF with alginate
has shown the remarkable effect on muscle regeneration, angiogenesis and
functional recovery. Taken together, the study stressed out the crucial role
of instructive cues in steering muscle regeneration and provided profound
insight into growth factors delivery to treat muscle damage. Along this
line, the author has extended the research and incorporated satellite cells to
create dual delivery of cell/bioactive molecules(VEGF/IGF) within alginate
gels to a more severe ischemia injury [265]. Cells delivered within alginate
showed more robust engraftment at 3 days post-treatment in comparison
to bolus injection, accompanied with increase size and mass of regenerating
muscles. The cell/growth factors group also exhibited enhanced angiogenesis and tissue perfusion, while reduced inflammation and fibrosis compared
to other conditions. Notably, the increased contractile force suggested the
great efficacy of the dual delivery of cells and growth factors could help to
further ameliorate the muscle damage.
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2.4 Challenges and perspectives
Current research focus of skeletal muscle engineering is to achieve 3D tissue
structure with highly organized and densely packed myofibers, and thereafter, generates matured myotubes with sufficient contractility. Plenty of
strategies have been implemented to induce anisotropic cellular arrangement
by imposing spatial or temporal control over cells, materials and instructive
signaling and considerable progress have been achieved. Evidence of physiological studies have demonstrated that 3D in vitro constructs enable the
regeneration of VML injuries to some extent. However, currently the animal
models in use are mostly immunodeficient or immunocompromised, which
are inadequate to reflect the harsh physiological environment. Moreover, to
replicate the native muscle tissue more faithfully, the artificial construct is
supposed to be comparative of native muscles structurally and functionally.
The myotube diameter and contractile force are reported to be 50-100 µm
and about 200 mN/mm2 , respectively. However, the myofiber size and contractile properties of in vitro constructs are still inferior to those of native
adult muscle, which implies the incomplete muscle maturation. Given the
complexity in structure and functionality, it is still a daunting task to engineer a functional skeletal muscle tissue in vitro. To better mimick the native
skeletal muscle tissues, some of the limitations have to be addressed.
1. Current engineering muscle tissues are mainly based on immortal cell
lines such as C2C12, these cell lines are typically modified to proliferate
indefinitely, making them convenient to biological experiments. However,
they cannot fully respond in the same way as primary cells. Nevertheless,
it is difficult to obtain primary cells from aged donors or patients, and their
limited proliferative capability has greatly hindered the widespread applica-
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tion. A robust human cell source with myogenic potential and can support
long-term culture should be sorted out. The new development on iPSCs
have highlighted the great potential in iPSC cells. iPSCs possess indefinite
propagation potential, and can be derived from the patient directly, therefore with preserved pathologic phenotypes. This makes the iPSCs highly
attractive to pathological studies, drug screening and as well as regenerative
therapy.
2. Skeletal muscle tissue consists of several support cells including but
not limited to fibroblast, vascular endothelial cells (ECs) and motor neurons,
which enable blood flow and innervation of the tissue. Therefore, it is highly
desirable to incorporate multiple cell types in order to capture the cell-cell
interactions in vivo. Particularly, for large tissue defect, not only restricted
to muscle, vascular network is indispensable to avoid necrosis and support
long-term culture. More importantly, achieving de novo innervation of regenerated myofibres remains a stumbling block for functional restoration of
VML injuries. Nevertheless, it is challenging to co-culture and differentiate
multiple cell types as each cell type requires distinct surrounding environment and culture medium. Vascularization has been the long-standing issue
for almost all the tissues.
3. In addition, constructs that only offer structural support are insufficient to restore functionality. Materials that provide instructive cues that
could elicit desired cellular response should be formulated. A large amount
of materials has been explored for their capability of muscle regeneration.
Among them, the use of collagen and fibrin gel for generating muscle constructs have been well established. However, the batch to batch variation
and intrinsic weak mechanical property have impeded the further application of these natural materials. Synthetic materials have been proposed to
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be promising alternatives [193]. These materials with controllable property
could better support multiple cell types and functional integrity.
4. The increased awareness of the critical role of bioactive molecules has
intrigued some interests in integrating growth factor into the skeletal muscle
constructs to promote myogenesis. However, the insufficient understanding
of how the endogenous cues function led to inconsistent and undesirable
results.

2.5 Summary
Tremendous efforts have been devoted to develop physiologically relevant
in vitro models in the past years. Considerable progress has been achieved
through a number of bioengineering technologies with tight spatial and temporal control, as reviewed in this paper. Geometrical confinement, nanofibers,
porous hydrogels and bioprinting have provided great insight into the mechanism of how cells behave in a 3D environment. Nevertheless, an engineered
construct that could support multiple cells types with compliant mechanical property, necessary molecules and capable of restoring muscle function
with interspersed vascular networks and adequate innervation has yet to
be achieved. Particularly, further development of materials, more robust
cell technology and a deeper understanding of molecular gradients in native
tissue are in desperate need. We envision that with the advances in biological science, material science and burgeoning engineering technologies, better
and more realistic in vitro models could be developed
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Chapter3
Layer-by-Layer Ultraviolet Assisted Extrusion-based
Bioprinting of Hydrogel Constructs with High Aspect
Ratio
Note: This chapter has been reproduced in its entirety (with some modifications to the experiment) with permission as an academic work from the
following publication [269]:
Zhuang, P., Ng, W. L., An, J., Chua, C. K., and Tan, L. P. (2019). Layerby-layer ultraviolet assisted extrusion-based (UAE) bioprinting of hydrogel
constructs with high aspect ratio for soft tissue engineering applications.
PloS one, 14(6), e0216776.

3.1 Introduction
The emerging 3D bioprinting approaches have offered a great potential in
fabricating highly-complex, biomimetic tissue constructs by simultaneously
depositing cells and biomaterials in a highly-specific arrangement [270, 271].
The precise deposition of cells and biomaterials facilitates the important cellcell [272, 243, 273] and cell-biomaterial interactions [274, 275, 276] for tissue
maturation. Notably, designing a suitable microenvironment is highly critical for regulating cellular behavior [277, 278, 279, 280]. Extracellular matrix
(ECM) presents a plethora of physical and chemical cues to regulate the cell
behaviors. Engler et al. has demonstrated that myosin/actin striation were
only observed on gels (8 and 11 kPa) with similar stiffness to normal muscle
tissues, highlighted the importance of mechanical cues on tissue maturation
[67]. Duffy et al. has demonstrated the role of ECM protein and geometrical
patterning in modulating myotube formation and alignment [79].
One of the major challenges in the field of soft tissue engineering is
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fabricating complex tissue constructs with compliant mechanical property
and suitable structure integrity to avoid structural collapse [281]. Most
of the reported works incorporated reinforcement materials such as poly(ϵcaprolactone) (PCL) polymer within the 3D bioprinted constructs to improve the mechanical stability [282, 255]. However, the long period of degradation makes it less desirable for soft tissue engineering applications.
The different bioprinting approaches include extrusion-based [283, 284,
285, 286], inkjet-based [287, 288], microvalve-based [248, 289], and laserbased systems [290, 291]. Among these different approaches, extrusion-based
bioprinting is the most prevalent approach due to its fast fabrication speed,
ease of operation and compatibility with various bio-inks [284]. An ideal
bio-ink should exhibit good printability, biocompatibility and compliant tissue stiffness [292, 293, 294, 295]. Most of the existing bio-inks are modified
from natural biomaterials such as gelatin [296, 297, 298, 250, 299] and collagen [300, 301, 302] to form new composite bio-inks with tunable properties.
Particularly, gelatin methacryloyl (GelMA) has been identified as a promising bio-ink owing to its excellent biological properties and tunable physical
properties [2, 16]. GelMA-based bio-inks have been utilized in the field of
tissue engineering and regenerative medicine, such as cartilage [303], neural tissues [304], cardiac tissues [305, 306]and even musculoskeletal tissues
[214]. However, it is important to note that high GelMA concentrations
(≥ 10%) usually result in limited cell activity due to the relatively high
crosslinking density and stiffness of the photo-crosslinked constructs [307],
while low GelMA concentrations lead to poor printability with low printing
resolution and poor shape fidelity. Moreover, the GelMA-based bio-ink has
a narrow printing process window which is highly dependent on the printing
temperature. Hence, further optimization is required to improve the stabil-
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ity and printability of GelMA bio-inks. A plethora of methods have been
explored to improve the rheological behavior of GelMA, such as the addition of various materials like nanosilicates [308], partial crosslinking GelMA
with enzymes [250], or through cooling process [307]. Among these methods, gellan gum, which is a non-toxic polysaccharide, has been discovered as
a promising rheological modifier to improve the rheological property of the
bio-ink [303, 309, 310, 311].
Although GelMA-gellan gum (GelMA-GG) bio-ink has exhibited great
potential in improving the printabiliy of GelMA-based bioink, the excessive
addition of gellan gum may in turn compromise the biocompatibility. Hence,
minimum ideal amount of gellan gum in GelMA-based bioinks was selected
to endow the enhanced printability of GelMA-GG and balanced biocompatibility. Meanwhile, layer-by-layer UAE bioprinting was implemented to
reinforce the structure stability and printing resolution when constructing
thick cell-laden tissue constructs. As such, we have demonstrated the ability
to fabricate bioprinted constructs with high aspect ratio via a layer-by-layer
UAE bioprinting strategy in this Chapter. This section serves as a platform
in identifying printing strategies that produce constructs with high aspect
ratio.

3.2 Materials and methods
Gellan gum (GG) is a biocompatible anionic polysaccharide produce by bacterial fermentation. GG is a linear polysaccharide that consists of glucose
(Glc), rhamose (Rha) and glucuronic acid(GlcA) (Figure 3.1) .GG is endotoxin free and has been widely used in food industry and FDA approved
since 1992 [1]. The gelation of GG is an ionotropic process, which means
that the presence of cations is necessary for the formation of a stable gel. In
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this ionic crosslinking process, cations with different quantity and different
chemical nature exhibit diverse effect on gelation. Divalent cations such as
Ca2+ and Mg2+ promote a more efficient gelation than monovalent Na+ and
K+ . Gellan gum is widely used in tissue engineering (TE), such as cartilage
and intervertebral disc repair [1].

Figure 3.1: Low acyl gellan gum [1].

Gelatin methacryloyl (GelMA) is synthesized by the reaction of gelatin
with methacrylic anhydride (MA) at 50◦ C. The reaction introduces methacryloyl substitution groups on the reactive amine and hydroxyl groups of the
amino acid residues (Figure 3.2A) [2], which allows further crosslinking under UV light irradiation to form more stable structure through the covalent
bonding (Figure 3.2B). As gelatin is a denatured collagen, GelMA preserves
the cell binding motifs. The degree of methacrylation and UV exposure time
has all been found to influence the physical and biological properties.

3.2.1 Preparation of GelMA-GG bio-inks
GelMA was prepared by reacting 10% (w/v) gelatin (Sigma Aldrich, type
A from porcine skin, 300g Bloom, Singapore) with methacrylic anhydride
(Sigma Aldrich) at 50◦ C as previous research described ([312]). The solution
was dialyzed in 12-14kDa dialysis tubing (Sigma Aldrich) against distilled
water at 40◦ C for 7 days, followed by 7-day lyophilization. It was then
stored at -30◦ C for future use. Irgacure 2959 (Sigma Aldrich) was dissolved
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Figure 3.2: Synthesis of methacrylated gelatin and UV crosslinking of GelMA hydrogel
[2]. A. Gelatin was reacted with MA to introduce a methacryloyl substitution group
on the reactive amine and hydroxyl groups of the amino acid residues. (B) GelMA
photocrosslinking to form hydrogel under UV irradiation. The free radicals generated by
the photoinitiator I2959 initiated chain polymerization with methacryloyl substitution.

in 10% PBS (v/v) at 70◦ C to achieve the final concentration 0.1% (w/v)
as described before ([310]). Sucrose (Sigma Aldrich) was added to generate an isotonic solution. GelMA was added into the PBS-based reagent
at room temperature in varying quantities to achieve the concentrations at
2%, 4%, 10%, 15%, 20%, 30% (w/v) stored in 37◦ C incubator for future use.
Low acyl gellan gum (GelzanT M CM, Gelrite( ) was purchased from Sigma
Aldrich. Gellan gum solution was prepared by dissolving gellan gum powder
in the PBS-based solution to concentrations at 0%, 0.2%, 0.4%, 1%, 1.5%
(w/v). The GelMA-GG composite bio-inks were formed by mixing GelMA
and gellan gum solution at 45◦ C in 1:1 ratio for 1h to achieve 30 different
combinations of GelMA-GG composite bio-inks.
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3.2.2

1

H NMR of GelMA

The methacrylation of gelatin was measured by 1 H NMR (Proton nuclear
magnetic resonance) spectroscopy.

1

H NMR utilizes nuclear magnetic res-

onance in NMR spectroscopy with respect to hydrogen-1 (protium) nuclei
within the molecules of a substance, in order to determine the structure of
its molecules [313]. 1 H NMR is commonly used to identify the replacement
of free amino groups on gelatin by methacrylate groups. Typically, both
gelatin and the lyophilized GelMA was dissolved in D2 O at a concentration
of 50 mg/mL and 1 H NMR spectra were repetitively collected for three times
at room temperature. Purely absorptive signals were achieved by phase correction. The areas of the peaks were integrated after baseline correction.
The degree of methacrylation was defined by Equation 3.1 where the percentage of ε-amino groups of gelatin modified with methacryloyl groups was
calculated.
DM (%) = (1 −

A(Lysinemethyleneof GelM A)
) × 100 (3.1)
A(Lysinemetheyleneof unmodif iedgelatin)

3.2.3 Evaluation of rheological properties of the GelMAGG bio-ink
The rheological properties of the different composite bio-inks were tested using a rheometer (MCR 501, Anton Paar Germany GmbH, Ostfildern, Germany). The viscosity and the shear thinning properties of the different
composite bio-inks were evaluated by using a cone plate (angle:1◦ ) with 25
mm diameter. The bio-ink viscosities were evaluated for shear rates ranging
from 0.1 to 500 s−1 at both 37◦ C (cell encapsulation temperature) and 25◦ C
(printing temperature) to evaluate the suitable range of bio-ink viscosities for
cell encapsulation and bioprinting process respectively. All measurements
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were performed in triplicate.

3.2.4 Cell encapsulation and sedimentation
For the ease of vision, C2C12 cells were labeled fluorescently with CellTrackerT M
Green CMFDA (Thermo Fisher), which is a fluorescent dye suitable for monitoring cell movement or location. The fluorescent dye is stable and designed
to display fluorescence for over 72 hours. It is nontoxic at working concentrations and well retained in cells. Briefly, 50 µg dry powder of CellTrackerT M
Green CMFDA was initially dissolved in DMSO to a final concentration of 10
mM. Thereafter, the solution was further diluted with serum-free medium to
a achieve final working concentration of 1 µM. The labeled C2C12 cells were
then gently mixed with GelMA-GG bio-inks at 37◦ C to achieve a final cell
density of 4×106 cells/ml. The cell-laden bio-inks were loaded into printing
cartridges (the cartridges were cut into ring patterns to provide flat bases)
and then were kept at 25◦ C (emulating printing temperature) for 1.5 hours
to evaluate the effect of cell sedimentation. The GelMA-GG composite bioinks were then frozen in 4◦ C for 20 mins after 1.5 hours of encapsulation to
fix the cells under physical crosslinking for imaging. The cell-laden hydrogels were then cut in half to expose the cross-section, which were then put
on glass slides for imaging. The cell-laden bio-inks were observed using an
inverted microscope (Carl Zeiss Axio Vert. A1).

3.2.5 Evaluation of bio-ink’s mechanical properties (Cyclic
Compression Test)
The mechanical properties of the printed GelMA-GG bio-inks were tested
with a uniaxial compression tester (Instron 5569, UK) at room temperature
with 100 N load cell. All the samples were prepared into a cylindrical shape
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with a diameter of 12 mm and 5 mm height. The cyclic tests were recorded
over 5 cycles at 30% strains, followed by continual compression at a rate of 2
mm/min until failure. The Young’s modulus was calculated as the slope of
the linear region of the stress-strain curve in the 0-10% of the strain range.

3.2.6 Evaluation of bio-ink’s microstructure (FE-SEM
imaging)
Field Emission Scanning Electron Microscope (FE-SEM) imaging was carried out to analyze the microstructures of the printed GelMA-GG constructs.
GelMA-GG constructs were printed in a rectangular shape (10 mm × 10 mm
× 2 mm) and were dehydrated using graded ethanol (starting from 25, 50,
75, 90, 95 to 100% v/v). The samples were then dried using a critical point
dryer (Leica EM CPD030, Germany) to retain the microstructure within the
printed GelMA-GG constructs. The dried samples were then carefully sectioned using a sterile surgical blade to expose the cross-section before coating
the samples with platinum (Pt) using a sputtering machine (Polarin SC7640
Sputter Coater from Quorum Technologies, United Kingdom). Representative images of GelMA-GG microstructure (n = 6) were taken at a 30,000x
magnification using Ultra-Plus FE-SEM (Carl Zeiss, Germany). ImageJ was
used to analyze the FE-SEM images to determine the pore sizes and porosity
within the GelMA-GG microstructures at varying concentrations.

3.2.7 Manual casting of cell-laden bio-inks
Immortalized C2C12 mouse myoblast cells were cultured in DMEM with
10% fetal bovine serum, 1% antibiotic-antimycotic in 37 ◦ C, 5% CO2 environment. The culture medium was changed every 2∼3 days and the cells
were harvested at 60-70% confluency. C2C12 cells were gently mixed with
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GelMA-GG bio-inks (5-0.5, 7.5-0.1, 7.5-0.2, 7.5-0.5, 10-0.1, 10-0.2) to a final cell density of 4×106 cells/ml. The cell-encapsulated bio-inks were then
casted into pre-designed square PDMS mold with a dimension of 10 × 10 ×
1 mm, followed by UV crosslinking. Live/Dead staining was performed on
Day 0, 7 and 14. Live/dead staining was performed using Molecular Probes.
Live/Dead staining kits (Life-Technologies). The calcein AM will stain the
viable cells green, while the ethidium homodimer-1 will stain the dead cells
red. The samples were washed thrice with 1× PBS and 1 mL of staining
solution was added to each of the 12-well plates containing the GelMA-GG
bio-inks and was incubated for 30 mins at room temperature before observation under Inverted Microscopy (Carl Zeiss Axio Vert. A1). This study
allowed us to identify suitable bio-inks for cell proliferation and spreading
prior to actual printing.

3.2.8 3D bioprinting of cell-laden bio-inks
C2C12 cells were printed using a bioprinter (Regenhu, Villaz-St-Pierre, Switzerland) to study the influence of material stiffness and microstructure on the
cell behaviour. Based on the earlier study of manual casting cell-laden bioinks, we have selected a single bio-ink from each group to represent bioinks of different material stiffness. The bio-inks were first printed using
the extrusion-based print-heads, followed by curing each subsequent layer
of printed bio-ink with a built-in UV-lamp (150mW, 365 nm wavelength).
All the printing cartridges, needle tips, pyrex bottles and sucrose solution
were fully autoclaved before use. C2C12 cells were first suspended in an isotonic sucrose solution at 37◦ C, followed by gently mixing with GelMA-GG
bio-inks at 37◦ C using a pipette (Gilson) before transferring the cell-laden
bio-inks into the sterilized Nordson printing cartridge. The 3D constructs
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were printed at 25 ± 1◦ C using a 27G needle tip (inner diameter: 210 µm).
The printed constructs were cultured over a week; live/dead staining and
Prestoblue proliferative assay were performed on Day 1, 3, 7 to evaluate
the cell viability and proliferation rates. Live/Dead staining was performed
using Molecular Probes Live/Dead staining kits (Life-Technologies). The
calcein AM will stain the viable cells green, while the ethidium homodimer1 will stain the dead cells red. The samples were washed three times with
PBS and 1 mL of staining solution was added to each of the 12-well plates
containing the samples and incubated for 30 min at room temperature before observation under Inverted Microscopy (Carl Zeiss Axio Vert. A1).
Briefly, at each time point, sample in each well was cultured with 360 µl
medium plus 40 µl presto blue added for 2hrs at 37◦ C. Thereafter, aliquots
were pipetted into a new 96-well plate. The 96-well plates were then placed
into a microplate reader and fluorescent mode was used to measure. The
excitation at 560 nm and emission at 590 nm of the content of each well was
measured, control group, with no cell seeded, was used to determine their
corresponding background absorbance and these values were subtracted from
the measurements.

3.2.9 Statistical analysis
All results were expressed as (mean value ± standard deviation(SD)). The
results were evaluated by one-way ANOVA analysis coupled with the Tukey
test. Differences are considered statistically significant when p ≤ 0.05 and
greatly significant when p ≤ 0.001. All experiments were performed in triplicate.
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3.3 Results and discussion
The stringent requirements of bio-inks have resulted in the limited choice of
printable cell-laden bio-inks. Some biocompatible materials (e.g collagen and
hyaluronic acid) have exhibited poor printing resolution and weak mechanical property that constantly lead to structural collapse. Particularly, for soft
tissues, it is difficult to find a suitable material with compliant mechanical
property of native tissues while maintaining good structural integrity after
several layers of printing. In contrast, GelMA is a thermo-sensitive material with highly tunable mechanical stiffness and has been commonly used
for various biomedical applications due to its suitable biological properties
and tunable physical characteristics. GelMA-based bio-inks possess important properties of native extracellular matrix (ECM) due to the presence of
arginylglycylaspartic acid (RGD) peptide motifs that favor cell attachment,
spreading and proliferation. However, the poor rheological properties of
GelMA bio-inks at low concentrations (<10%) have resulted in poor printability and instable structures. Previous studies have reported GelMA or
gelatin printing through bioprinters that are equipped with a temperature
control system ([314]). However, most commercial bioprinters do not usually
include such a temperature control system, hence posing a challenge to maintain a consistent printability of GelMA-based bio-inks due to fluctuations
in temperature during printing process. Gellan gum is a thermo-reversible
water-soluble anionic polysaccharide which has been used to improve the bioink printability by modifying the viscosity ([311]). Gellan gum (GG) is used
to reinforce GelMA, leading to a more robust composite hydrogel. However,
the printability of GelMA-GG is still limited to simple and relatively thin
structures. Herein, we introduce a bioprinting strategy that enables the fab-
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rication of tissue constructs with high aspect ratio via a layer-by-layer UAE
bioprinting strategy (Figure 3.3). GelMA-based bio-ink with low amount of
gellan gum exhibited good biocompatibility and cell attachment.

Figure 3.3: Schematic drawing of layer-by-layer UV-assisted bioprinting strategy. The
gellam gun in the bio-ink serves as a viscosity enhancer to improve the bio-ink printability
(via formation of ionic bonds between GelMA chain and gellan gum) during the extrusion
printing process prior to further UV crosslinking (to form chemical bond between adjacent
GelMA chains) of each individual printed layer. This layer-by-layer UV-assisted bioprinting strategy is repeated to eventually achieve fabrication of complex 3D structures with
high aspect ratio.

3.3.1 Determination of degree of methacrylation
Compared with the spectrum of unmodified gelatin, GelMA sample showed
new functional groups, indicated by the two black arrows in Figure 3.4. The
peaks at around chemical shifts (δ) of 5.4 and 5.6 ppm were assigned to the
acrylic protons (2H) of the grafted methacryloyl group, and another peak at
(δ) = 1.8 ppm could be attributed to the methyl group (3H) of the grafted
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methacryloyl group. Meanwhile, there was a decrease of the intensity at
2.9 ppm, which was assigned to the lysine methylene (2H) and highlighted
with blue stripe. As lysine is the reaction site, this trend could be used to
quantify degree of methacrylation, which was 55.4% ± 0.5%.

Figure 3.4: 1 H-NMR spectra of Gelatin and GelMA.

3.3.2 Bio-ink preparation
Bio-ink viscosity plays an important factor influencing cell encapsulation
within bio-inks. To evaluate the quality of cell encapsulation, rheological
behavior of GelMA-GG was investigated at 37◦ C (incubation temperature)
(Figure 3.5). The rheological behavior of the bio-ink was manipulated by
varying the concentrations of GelMA and gellan gum.
A significant increase in the bio-ink viscosity (as shown in Figure 3.5A)
at a constant shear rate of 100s−1 at 37◦ C (emulating encapsulation process)
was observed across all GelMA concentrations with increasing gellan gum
concentration from 0.1 to 0.75%. In contrast, a less significant increase in
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Figure 3.5: Viscosity as a function of shear rate of 30 different GelMA-GG bio-inks at
37◦ C. a. Viscosity of GelMA-based bio-inks with GelMA concentration at 5%, 2.5%
and 1%. b. Viscosity of GelMA-based bio-inks with GelMA concentration at 7.5%. c.
Viscosity of GelMA-based bio-inks with GelMA concentration at 10%. d. Viscosity of
GelMA-based bio-inks with GelMA concentration at 15%

the bio-ink viscosity was observed when the GelMA concentration was varied
from 1 to 15%. During the cell encapsulation process, cell pellets of desired
cell density were pipetted into the bio-inks and mixed manually. Generally,
homogenous cell distribution was observed in most of the GelMA-GG bioinks in this study. However, the results have shown that the addition of
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Figure 3.6: Bio-ink formulation involves characterization of rheological properties, ease of
cell encapsulation and influence of cell sedimentation within bio-inks. A) Viscosities of 30
different GelMA-GG bio-inks at a constant shear rate of 100s−1 at 37◦ C indicate higher
bio-ink viscosity with increasing polymer concentrations. B) Representative images to
highlight the influence of bio-ink viscosity on cell encapsulation; a low viscous bio-ink
facilitates good cell encapsulation (in spiral pattern) whereas a highly viscous bio-inks
results in poor cell encapsulation. C) Representative images to highlight the influence
of bio-ink viscosity and density on cell sedimentation; a low polymer concentration (low
viscosity and density) and without gellan gum leads to cell sedimentation whereas a
high polymer concentration (high viscosity and density) results in a homogeneous cell
distribution with negligible cell sedimentation. D) An overview of the different GelMAGG bio-inks in terms of cell encapsulation and cell distribution.
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0.75% GG in all GelMA-GG bio-inks resulted in the formation of highly viscous bio-inks at 37◦ C which was inappropriate for cell encapsulation. Furthermore, GelMA-GG bio-inks of 10-0.5% w/v (∼0.2 Pa·s) and 15-0.5%
w/v (∼0.3 Pa·s) also exhibited poor cell encapsulation. The representative
images of the encapsulated cells in the GelMA-GG bio-inks are shown in
Figure 3.5B; homogeneous cell encapsulation was observed in low viscous
bio-inks, spiral pattern was printed to show the homogeneous cell distribution (Figure 3.5B a) while non-homogeneous cell distribution with trapped
air bubbles was spotted in highly viscous bio-inks (Figure 3.5B b). The low
viscous bio-inks (less than 124 mPa·s) facilitated easy cell encapsulation and
resulted in homogeneous cell distribution within the cell-encapsulated bioinks (left of Fig 2B), whereas the highly viscous bio-inks (over 124 mPa·s)
are generally considered to be unsuitable for cell encapsulation due to the
relatively higher bio-ink viscosities that led to non-homogeneous cell distribution and trapped air bubbles (Figure 3.5B b). As such, our study has
shown that a bio-ink viscosity of ∼0.15 Pa·s could be the threshold bio-ink
viscosity for homogeneous cell encapsulation at 37◦ C.
Another important consideration is the cell sedimentation effect within
the bio-inks over time. An ideal cell-laden bio-ink should result in a homogeneous cell output over time by mitigating the effect of cell sedimentation during the printing process. As such, we further investigated the
effect of cell sedimentation in the cell-laden bio-inks with homogeneous cell
distribution over a period of 1.5 hours (typical printing duration for large
tissue constructs). All the selected GelMA-GG bio-inks were mixed with
fluorescently-labelled cells and were evaluated over a period of 1.5 hours to
study the effect of cell sedimentation which is caused by the gravitational
forces acting upon the encapsulated cells within the bio-inks. The GelMA-
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Figure 3.7: Viscosity as a function of shear rate of 30 different GelMA-GG bio-inks
at 25◦ C. a. Viscosity of GelMA-based bio-inks with GelMA concentration at 1%. b.
Viscosity of GelMA-based bio-inks with GelMA concentration at 2.5%. c. Viscosity
of GelMA-based bio-inks with GelMA concentration at 5%. d. Viscosity of GelMAbased bio-inks with GelMA concentration at 7.5%. e. Viscosity of GelMA-based bio-inks
with GelMA concentration at 10%. f. Viscosity of GelMA-based bio-inks with GelMA
concentration at 15%.
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Figure 3.8: The bioprinting phase involves characterization of rheological properties, determination of suitable UV scanning speed and selection of suitable bio-inks. A) Rheological properties of 30 different GelMA-GG bio-inks at a constant shear rate of 100s−1
at 25◦ C indicated higher bio-ink viscosity with increasing polymer concentrations. B) An
overview of the different GelMA-GG bio-inks in terms of printability and cell encapsulation. C) Representative images of printed constructs to distinguish among the three
different classifications; (Top) poor printability, (Middle) good printability, (Bottom)
over-gelation. D) Influence of bio-ink on printing resolution, a more viscous bio-ink results in higher printing resolution due to significantly less spreading of the shear-thinning
bio-inks upon contact with the substrate surface.
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GG composite bio-inks were frozen in 4◦ C for 20 mins after 1.5 hours of
encapsulation to fix the cells under physical crosslinking at 4◦ C for imaging and are carefully observed using an inverted microscope (Carl Zeiss Axio
Vert. A1). It was observed that there was negligible cell sedimentation effect
in most of the GelMA-GG bio-inks over a period of 1.5 hours. The density
and viscosity of the bio-inks increase with increasing polymer concentration;
which explains the negligible cell sedimentation effect found in most of the
GelMA-GG bio-inks (Figure 3.5C a). In contrast, significant cell sedimentation effect was observed in 1-0% w/v and 2-0% w/v bio-inks (low GelMA
concentration and without gellan gum) (Figure 3.5C b). Particularly, the
1-0% w/v and 2-0% w/v GelMA-GG bio-inks still remained in liquid state
whereas the other bio-inks have transited into a gel state after 1.5 hours of
encapsulation. The low viscosity and density of 1-0% w/v and 2-0% w/v
bio-inks led to significant cell sedimentation, hence they were not suitable
to be used as cell-laden bio-inks (Figure 3.5D).

3.3.3 Printing phase
Shear thinning behavior, the non-Newtonian behavior of fluids whose viscosity decreases under shear strain, is highly desirable for the printing process.
As illustrated in Figure 3.7, over a range shear rates, the GelMA-GG bioinks exhibited shear thinning behavior independent of the concentrations.
As in this study, the printing was conducted under room temperature, which
is around 25◦ C, and the rheological properties of the bio-inks were also examined at 25◦ C. Further, Figure 3.6A presented the bio-ink viscosities at a
fixed shear rate of 100 s−1 for all the groups. Generally, the bio-ink viscosity
increased with increasing polymer concentration. As the GG concentration
increased up to 0.75%, the viscosity increased significantly across all the
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GelMA concentration groups. Similarly, the effect of GelMA concentration
on bio-ink viscosity also exhibited the same trend albeit less dramatically
as GG. A high viscosity within the printable range helped to reduce bio-ink
spreading upon contact with the substrate surface prior to UV crosslinking.
3D grid and tubular constructs were printed to demonstrate the ability
to print complex structures with high aspect ratio (AR) using the proposed
layer-by-layer UV-assisted bioprinting approach (printing speed 100mm/min,
UV scanning speed 400mm/min) (Figure 3.9). Both grid pattern (W× L =
9mm × 9mm) with a height of 10mm (Figure 3.9A b-g) and a height of 30mm
(Figure 3.9B a and b) can be printed with all the selected groups of materials
using the layer-by-layer UV curing strategy. Conversely, printing without
using the layer-by-layer UV curing method yielded constructs with poor resolution and building up taller structures were challenging. Furthermore, it
is to be noted that the difficulty of printing high aspect ratio structures
increases as the diameter of the printed constructs decreases. The smallest
tubular structure that can be successfully printed with high repeatability is
of 3 mm diameter with a high AR of 5 (as shown in Figure 3.9B d). As
a proof-of-concept, multi-material printing was performed in the transverse
and longitudinal directions to demonstrate the ability to print multi-material
constructs with high aspect ratio (Figure 3.9B f-h). Firstly, multi-material
printing in the transverse direction was demonstrated by fabricating concentric tubular structures of different diameters in Figure 3.9B f and Figure 3.9B g. Next, multi-material printing in the longitudinal direction was
demonstrated by fabricating tubular structures of different distinct regions
as shown in Figure 3.9B h. As clearly demonstrated by the printed grid and
tubular structures, the layer-by-layer UV curing strategy has shown great
improvement in constructing taller structures (AR≥5) and better resolution
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than those printed with post curing strategy.

Figure 3.9: Printed constructs with different patterns. A) a. Printed grid construct with
no layer-by-layer UV curing using 7.5-0.2 group. b-g.Printed grid pattern (W× L× H
= 9mm × 9mm × 10mm) with the 6 selected GelMA-GG bio-inks. B) a. Printed grid
construct (W× L × H = 9mm × 9mm × 30mm). b. Side view of the printed construct
(W × L × H = 9mm × 9mm × 30mm. c-e. Tubular structures printed with GelMA-GG
bio-ink (7.5-0.2) with different AR which is bioprintable and cell permissive. f-h. Multiple
materials deposition with the layer-by-layer UV curing strategy.

3.3.4 Post-printing phase
3.3.4.1 Material property (mechanical stiffness and microstructure)
The matrix stiffness is one of the critical factors that regulates cell behaviors; therefore, it is crucial to consider the matrix stiffness of the printing
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material when designing such in vitro tissue constructs ([315, 316]). The
material stiffness influences cell migration, differentiation and proliferation.
Driven by this, we have measured the material stiffness of the selected composite hydrogel with good printability (5-0.5%, 7.5-0.1%, 7.5-0.2%, 7.5-0.5%,
10-0.1%, 10-0.2% w/v). These printed constructs were subjected to 5 times
pre-cyclic under 30% strain. The cyclic compression curves of all the groups
exhibited similar cyclic recovery performance, which indicated excellent recovery capability of the bio-inks (Figure 3.9A). As revealed by Figure 3.9B,
the composite bio-inks exhibited a large range of compressive modulus. The
results suggest that higher polymer concentration leads to higher compressive modulus, since a range of compressive modulus from 9kPa to 16kPa
could be achieved by tuning the polymer concentration. It is important to
note that the modulus could be further adjusted by UV intensity and exposure time. With the increased UV intensity and exposure time, the hydrogel
stiffness can be increased to the scale of a hundred kPa ([317]).
Further in-depth characterization of the material stiffness was performed
by evaluating the micro-structure of the bio-inks using Field-emission scanning electron microscope (FE-SEM), as shown in Figure 3.9C. The different
printed GelMA-GG bio-ink constructs were subjected to critical point drying to carefully preserve the native micro-structure found in the GelMA-GG
bio-ink. FE-SEM imaging of the different bio-inks at 30,000x magnifications indicated a porous 3D microenvironment and highly-interconnected
pores within the GelMA-GG printed constructs. ImageJ was used to analyse the FE-SEM images to determine the pore sizes and porosity within
the GelMA-GG microstructures at varying concentrations. The FE-SEM
images reveal that a 5-0.5% w/v GelMA-GG printed construct showed the
largest pore size (172.7±63.9 nm), whereas 10-0.2% w/v GelMA-GG printed
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Figure 3.10: Bio-ink properties (mechanical stiffness and microstructure). A) Cyclic
compression test. B) Compressive modulus of GelMA-GG bio-inks with different concentrations. C) FE-SEM imaging of GelMA-GG with varied concentrations; scale bar = 200
nm. D) Pore size distribution of GelMA-GG hydrogel bio-inks.
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construct showed the smallest pore size (110.1 ± 38.9 nm). The pore size of
the 3D GelMA-GG printed constructs generally decreased with increasing
polymer concentration but the influence of GelMA concentration is more
significant than that of GG. For a constant 2.5% increase in GelMA concentration; a significant 34.8% reduction in pore size was observed when
comparing between 5-0.5% w/v (172.7 ± 63.9 nm pore size) and 7.5-0.5%
w/v (112.5 ± 37.9 nm pore size), whereas only a small reduction of 1.2% in
pore size was observed when comparing between 7.5-0.1% w/v (122.1 ± 43.8
nm pore size) and 7.5-0.2% w/v (120.6 ± 47.3 nm pore size). Further change
in GG concentration did not result in significant changes in pore size (6.7%
difference between 7.5-0.2% w/v and 7.5-0.5% w/v). In conclusion, pore size
is shown to be more dramatically affected by GelMA than GG concentration
with pore size decreasing with increase of polymer concentration as summarized in Table 3.1. Taken together the compressive modulus and average
pore size distribution, the decreasing pore sizes corresponded to increased
mechanical stiffness. In addition, negligible pore size changes were observed
for GelMA with the concentration of 7.5%, while with the increasing gellan gum concentration, the mechanical properties of these three composite
hydrogels increased by nearly 50%.
3.3.4.2 Influence of bio-ink on cells: Manual casting of cell-laden
bio-inks
To evaluate the biocompatibility of the hydrogel blends, C2C12 cells were
encapsulated inside the 3D GelMA-GG constructs over a period of 14-day
culture. Live/dead staining was used to characterize the cell behavior at
Days 0, 7 and 14. The presence of living cells (≥ 95% of total encapsulated
cells) within all the composite GelMA-GG constructs indicated high cell vi-
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Table 3.1: Porosity and average pore size of GelMA-GG with different concentrations.
Porosity (%)

Average pore size (nm)

5-0.5

65.33

172.7 ± 63.9

7.5-0.1

53.08

122.1 ± 43.89

7.5-0.2

52.17

120.6 ± 47.3

7.5-0.5

43.11

112.5 ± 37.9

10-0.1

42.38

111.2 ± 31.8

10-0.2

41.11

110.1 ± 38.9

ability at all time points (Day 0, 7 and 14) as shown in Figure 3.11. Furthermore, cell elongation and spreading (as depicted in Figure3.11) in 5-0.5%,
7.5-0.1% and 7.5-0.2% w/v GelMA-GG constructs on Day 7 indicated that
the bio-ink micro-structure and stiffness were supportive of C2C12 differentiation. Notably, 5-0.5 % w/v GelMA-GG bio-ink showed a much better
cell spreading and elongation than the 7.5-0.1 and 7.5-0.2% w/v GelMA-GG
bio-inks. In contrast, the C2C12 cells in the 7.5-0.5, 10-0.1 and 10-0.2% w/v
GelMA-GG bio-inks mostly remained round in shape within the 3D bio-ink
constructs over a 14-days culture (After 14 days, cells remained alive but still
in round shape). 3D matrix with lower mechanical stiffness and larger pore
size are more favorable to cell elongation and spread. The results demonstrated that pore size and mechanical stiffness of the bio-ink have critical
influence in regulating cell behavior.
3.3.4.3 Influence of bio-ink on cells: 3D bioprinting of cell-laden
bio-inks
By performing the manual casting approach, we can easily select the suitable
composite bio-inks for our desired tissue engineering applications (specifi89

Figure 3.11: Live/dead staining of C2C12 in manual-cast cell-laden bio-inks with varied concentrations on Days 0, 7 and 14, with pink arrows showing cell elongation and
spreading.
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cally for soft tissue engineering in this work). The C2C12 cells in 5-0.5%,
7.5-0.1% and 7.5-0.2% w/v GelMA-GG constructs were able to spread and
proliferate well due to the more favorable material micro-structures and
stiffness, whereas the C2C12 cells in 7.5-0.5%, 10-0.1% and 10-0.2% w/v
GelMA-GG constructs remained round. To further verify that the results in
the manual-casting approach could be reproduced in the printed constructs,
we chose 1 type of bio-ink from each group (elongated cells in the 5-0.5%
w/v GelMA-GG constructs and round cells in the 7.5-0.5% w/v GelMA-GG
constructs) for further experiments. The C2C12 cells were printed using the
5-0.5% and 7.5-0.5% w/v GelMA-GG bio-inks into 3D lattice structure. The
cell viability was evaluated at Days 1, 4 and 7 post-printing, as shown in
Figure 3.12. The high viability of printed cells indicated that the bioprinting process had insignificant effect on the viability of cells. Similarly, cell
elongation was clearly observed in 5-0.5% GelMA-GG bioprinted constructs
on Day 7. The cell proliferation was characterized using a PrestoBlue assay
by measuring the relative fluorescence units and comparing with the standardized cell density curve in Figure 3.12. Overall, the printed C2C12 cells
in 5-0.5% w/v GelMA-GG bioprinted constructs showed a faster proliferation rate relative to the printed C2C12 cells in the 7.5-0.5% w/v GelMA-GG
bioprinted constructs as indicated by the faster increase in cell number over
7 days of study (Figure 3.12). The results were in good agreement with the
manual-casting study, which proved that our bioprinting process does not
have adverse effects on cells survival and differentiation.
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Figure 3.12: C2C12 cell viability and proliferation study of cell printing on Day 1,4 and
7; scale bar is 500 µm.* - p < 0.05, ** - p < 0.001.

3.4 Summary
The GelMA-based bio-inks have exhibited great biocompatibility for cells
due to the presence of RGD peptides. However, challenges in using GelMA as
bio-ink remain especially in printability and poor structure integrity. In this
chapter, we have presented a layer-by-layer UV-assisted bioprinting strategy
to fabricate complex 3D bioprinted constructs with high aspect ratio for
tissue engineering of soft tissues using the GelMA-GG bio-inks. To strike a
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balance between printability and biocompatibility, a minimum ideal amount
of gellan gum was added to enforce the printability of the bioinks without
compromising the biocompatibility. In-depth characterization and evaluation on the different composite GelMA-GG bio-inks have been performed to
select a suitable range of GelMA-GG bio-inks through our proposed parametric study. The three main phases of bio-ink development involved were
1) bio-ink preparation phase, 2) printing phase and 3) post-printing phase.
From our work, a suitable range of bio-ink viscosity lower than 0.124 Pa·s at
37◦ C was found to be suitable for cell encapsulation and to achieve a homogeneous cell-laden bio-inks. Material viscosity of 0.2-1.0 Pa·s at a printing
temperature of 25◦ C was recommended for printing of complex 3D cellladen constructs with high aspect ratio using our layer-by-layer UV-assisted
bioprinting strategy. In addition, a strong correlation between material microstructure and stiffness has been shown and their synergistic influence on
cell behavior has been investigated. In conclusion, this chapter has presented
an effective approach to fabricate complex 3D structures with great structure
integrity, high aspect ratio, good shape fidelity and mechanical stability of
soft materials and in this case GelMA-GG composite bio-ink. This method
could be easily adapted for all light curable materials and would find great
potential in scaffold/bioprinting for tissue engineering of soft tissues.
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Chapter4
Development of Suitable Bio-inks and the Influence of
UV Radiation on Cell Behavior

4.1 Introduction
The past few decades have witnessed the rapid development of 3D bioprinting technology. The major platforms for bioprinting include droplet-, extrusion and laser-based printers based on different driving forces. Droplet-based
printing consists of inkjet printing (thermal, piezoelectric, electro hydrodynamic jetting and electro static bioprinting), acoustic droplet ejection and
micro-valve printing [243]. Droplet-based printing allows the deposition of
discrete droplet, while extrusion-based bioprinting (pneumatic-driven and
mechanical-driven) can only print continuous filaments. Various materials
have been tailored to meet the requirements of specific printing technology.
Generally, droplet-based printing allows the printing of materials with low
viscosities ranging from 3.5 to 70 mPa.s, while extrusion-based bioprinting is able to print materials with a broader range of higher viscosities (30
mPa.s to 6 × 107 mPa.s) [247]. One of the key challenges in bioprinting
is the lack of suitable bio-inks which are printable, able to build thick and
complex structures without structural collapse, and biocompatible to support various cell types. Both natural and synthetic biomaterials including
but not limited to fibrin, collagen, chitosan, hyaluronic acid, gelatin, alginate and Poly(ethylene glycol) (PEG) have been extensively investigated.
Among them, GelMA has been widely utilized due to the ease of manipulation, cost-effectiveness and tunable mechanical properties. A great deal of
studies have demonstrated the good biocompatibility of GelMA with lower
concentrations [301, 318, 319], but with relatively poor printability. As
demonstrated in Chapter 3, in combination with layer-by-layer UV curing
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bioprinting, a small addition of gellan gum into GelMA could improve the
printability, therefore achieve stable 3D constructs with high aspect ratio
and structural fidelity [269]. Nevertheless, it is inadequate for an ideal bioink to just provide structural support. Rather, the bio-ink should also be
smart enough to deliver instructive cues to elicit desired cellular response.
From our work, tzq he microstructure analysis revealed the dense network
of the GelMA-GG constructs printed with layer-by-layer UV crosslinking.
The small pore sizes range from 110-170 nm, which is inconducive for cell
ingrowth and migration. To tackle this, materials that possess dynamic mechanical property, which can provide initial support and subsequently offer
proper space for cells to grow and migration is highly desirable.
In addition, cell viability is the fundamental indicator to determine
whether the fabrication process is cell friendly. Generally, the bioprinting
process could be divided into three different stages: a) Resting, the cells were
resting in printing syringe prior to printing. b) Extrusion, cell-laden bio-inks
were extruded out of the printing needle (during printing). c) Crosslinking,
cell-laden bio-inks were printed onto the building platform and waiting for
crosslinking, in our case, UV crosslinking. UV source has been commonly
used for photocurable bio-inks. However, the effect of UV influence on cell
viability has not yet been examined systematically. It is of critical importance to elucidate the effect of printing process on cell survival rate to better
control the printing parameters and thus, the property of the constructs.
In this chapter, a composite GelMA-based bio-ink with dynamic mechanical property was formulated. Based on GelMA-gellan gum composite
hydrogel, gelatin was further introduced to improve the biological property.
Material characterization including rheological property, structure integrity,
degradation and biocompatibility were performed. In addition, cell viability
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over the entire printing process was analyzed. Specifically, cell survival rate
in the printing syringe over time was assessed. Moreover, the effect of shear
stress on cell viability when the cells were extruded from the needle tip was
investigated. Lastly, the influence of UV radiation on cell viability (C2C12
and HUVECs) was evaluated. This study will provide insight into bio-ink
selection and the understanding of UV radiation effect on cells to achieve
mechanically stable and cell-favorable constructs.

4.2 Material and method
4.2.1 Material preparation
GelMA was prepared by reacting 10% (w/v) gelatin (Sigma Aldrich, type
A from porcine skin, 300g Bloom, Singapore) with methacrylic anhydride
(Sigma Aldrich) at 50 ◦ C based on previous study [312]. The solution was
dialyzed in 12-14 kDa dialysis tubing (Sigma Aldrich) against distilled water
at 40◦ C for 1 week, followed by 1-week lyophilization. It was then stored
at -30◦ C for future use. Irgacure 2959 (Sigma Aldrich) was dissolved in
10% PBS (v/v) at 70◦ C to achieve the final concentration 0.1% (w/v) as
described before [310]. 6% sucrose (Sigma Aldrich) was added to generate an isotonic solution. GelMA was added into the PBS-based reagent
at room temperature to achieve the concentrations at 7.5% (w/v). Gelatin
and Gellan gum solution were prepared by dissolving gelatin and gellan gum
(Sigma Aldrich, GelzanT M CM, Gelrite) powder in the PBS-based solution
to a concentration of 15% and 0.6%(w/v) respectively. The GelMA-gelatingellan gum composite bio-inks were generated by mixing GelMA, gelatin
and gellan gum solution at 45◦ C in 1:1:1 ratio for 1h to achieve honogeneous
GelMA-based composite bio-inks. As a control, GelMA-gelatin hydrogel was
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prepared by mixing 6% GelMA and 10% gelatin solution in 1:1 ratio, GelMAgellan hydrogel was formulated by mixing 15% GelMA and 0.2%, 0.4% gellan
gum. The GelMA-gelatin-gellan gum composite hydrogel was recorded as
GMGAGG, GelMA-gelatin hydrogel as GMGA and GelMA-gellan gum as
GelMA-GG in the following study.

4.2.2 Rheological property
The rheological properties of the composite bio-inks were tested using a
rheometer (MCR 501, Anton Paar Germany GmbH, Ostfildern, Germany).
The viscosity and the shear thinning properties of the composite bio-inks
were evaluated by using a cone plate (angle:1◦ ) geometry with 25 mm diameter. The bio-ink viscosity was evaluated for shear rates ranging from 0.1 to
500s−1 at 25◦ C (printing temperature). All measurements were performed
in triplicate.

4.2.3 Evaluation of gelatin release
As gelatin was introduced into the bioink without crosslinking, it is expected
that gelatin leaching will take place during incubation. The release of gelatin
could offer extra space for cell spreading, migration and ingrowth, which,
however, may in turn compromise the mechanical property of the scaffold or
even lead to structural collapse. Therefore, the gelatin release profile has to
be considered. To quantify the gelatin release of GMGAGG bio-ink during
incubation, 2,4,6-trinitrobenzene-sulfonic acid (TNBS) assay was performed
as previously described [320]. Briefly, printed hydrogel constructs (9 mm ×
9 mm × 2.5 mm) were soaked in 3 ml dPBS in a 12-well plate for varied time
intervals (day 1, day 3, day 5). Supernatant of each time point was dialyzed
in 0.1 M sodium bicarbonate solution (pH=8.5) for 7 days. Then, 0.5 ml of
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each sample solution was mixed with 0.25 ml 0.01% TNBS solution (in 0.1 M
sodium bicarbonate buffer) and then incubated for 2h at 37 ◦ C. Next, 0.25
mL of 10 w/v% sodium dodecyl sulfate and 0.125 mL of 1 N hydrochloric
acid were added to cease the reaction. The absorbance of each sample was
measured at 335 nm. The glycine standard curve was then generated to
determine the amino group concentration, with sample solutions prepared
at 0, 15, 20, 30, 36, 45, 90 and 180 µg/ml. The experiment was conducted
in sets of three (N = 3) under identical conditions.

4.2.4 Structural integrity of GMGAGG hydrogel
An ideal bio-ink should provide initial mechanical support, and sufficient
structural integrity to support long-term culture. In this study, structural
integrity of hydrogel over time was studied for 21 days in dPBS at 37 ◦ C. 3D
printed rectangular samples (9 mm × 9 mm ) were prepared. The constructs
were printed with different number of layers, namely, 10 layers and 20 layers.
The hydrogels were stained with a food dye for ease of visualization. 7.5-0.2
GelMA-GG composite hydrogel was run in parallel as a control.

4.2.5 Enzymatic degradation study
0.02 %(w/v) Collagenase (Sigma-Aldrich, USA) in PBS was prepared for
enzymatic degradation test of bio-inks over 28 days. Hydrogel samples including GMGAGG (2.5-5-0.2) and GelMA-GG (5-0.5, 7.5-0.1, 7.5-0.2, 7.50.5, 10-0.1, 10-0.2) were freeze-dried and weight loss was recorded every two
or three days. Pure GelMA 5%, 7.5% and 10% were prepared as control
group. Collagenase solution was changed every 2-3 days over the entire
experimental period.
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4.2.6 Biocompatibility characterization
Biocompatibility of GMGAGG hydrogel was performed with C2C12. C2C12
were trypsinized and resuspended in GMGAGG hydrogel at a concentration
5×106 cells/ml using a pipette (Gilson) to gently mix and transfer to a
5cc syringe (Nordson) for printing. Constructs were printed into a grid
pattern with a dimension of 9 × 9 × 2.5 mm. The printed constructs were
cultured for 1 week and cell viability was examined with live/dead staining
assay. Live/dead staining was performed using Molecular Probes, Live/Dead
staining kits (Life-Technologies). The calcein AM would stain the viable cells
green, while the ethidium homodimer-1 would stain the dead cells red.

4.2.7 Cell culture
Murine C2C12 myoblasts (American Type Culture Collection) were maintained in growth medium containing DMEM, 10% fetal bovine serum (Gibco,
Carlsbad, CA) and 1% penicillin-streptomycin (Gibco) at below 70% confluence. Human umbilical vein endothelial cells (HUVECs) were cultured with
EndoGRO-LS Complete Culture Media kit (Sigma-Aldrich). All cells were
incubated in an atmosphere with 5% of CO2 at 37◦ C. Cells were trypsinized
upon 70% confluence and replated. Media was replaced every 2-3 days.

4.2.8 Evaluation of in vitro cell viability over time
(prior to printing)
C2C12 and HUVECs were gently mixed with GMGAGG and GMGA composite hydrogel at 37◦ C to achieve a final cell density of 5 × 106 cells/ml respectively. Thereafter the cell-laden hydrogel was casted into 24 well plate,
with 200 µl/well (N=4). The cell-laden hydrogel was kept at room tem99

perature without any further crosslinking. Cell viability was examined at
varied incubation duration: 0 min, 30 min, 60 min, 90 min, 120 min, 150
min. At each time point, 100 µl live/dead staining reagent was added to
each well and incubated for 30 min. The samples were then imaged with
Inverted Microscopy (Carl Zeiss Axio Vert. A1). Image J software was used
to calculate the cell viability.

4.2.9 Evaluation of shear stress effect on cell viability
over time (during printing)
3D bioprinting was performed with bioprinter from Regenhu (Villaz-StPierre, Switzerland) at 25±1 ◦ C. The printer is equipped with a built-in UV
lamp (500 mW, 365 nm wavelength) to crosslink the photocurable materials.
C2C12 and HUVECs were gently mixed with GMGAGG hydrogel at 37◦ C
to achieve a final cell density of 5 × 106 and 1 × 106 cells/ml, respectively.
All the printing syringes, needle tips, forceps, pyrex bottles were fully sterilized before use. Cell-laden bio-inks were loaded to the sterilized Nordson
printing syringe. To evaluate the effect of shear stress on cell viability, 25G
(inner diameter=260 µm), 27G (inner diameter=210 µm) and 30G (inner
diameter=160 µm) needle tips were adopted. Single layer circular pattern
with a diameter of 12 mm was printed at varied time point 0 min, 30 min, 60
min, 90 min, 120 min, 150 min without further crosslinking. Cell viability
was investigated with live/dead staining immediately after printing. The
samples were then imaged with Inverted Microscopy (Carl Zeiss Axio Vert.
A1). Image J software was used to calculate the cell viability.
Shear stress plays a pivotal role in bioprinting. It is inevitable in any
form of bioprinting, therefore it has to be considered during printing. It
was demonstrated that proper shear stress could modulate stem cell differ100

entiation, while excessive shear stress leads to cell rupture by damaging cell
membrane [321]. Generally speaking, shear stress is affected by the applied
air pressure, the material viscosity and the needle size selected.
The extrusion-based bioprinting setup is shown in Figure 4.1, for a powerlaw fluid in a pipe, shear stress is the function of shear rate, as shown in
Equation (4.1).
τ = mγ̇ n

(4.1)

Where n and m are the power-law index and power-law consistency coefficient, γ̇ is the shear rate.
Then the viscosity can be expressed as follows,
η = mγ̇ (n−1)

(4.2)

Assuming that in the syringe there is a uniform flow rate (V), the volumetric flow rate (Q) of a non-Newtonian fluid can be written as follows,
Q = πR2 V = π(

−∆p 1/n 3n+1
n
)(
) R n
3n + 1 2ml

(4.3)

Where ∆p is the pressure drop, L is the length of the printing syringe.
R is the radius of the syringe (Figure 4.8).
Then pressure drop can be described as follows,
∆p = −2ml

[

Q
3n+1
n
π 3n+1
R n

]n

(4.4)

The shear rate can be expressed as follows,
γ̇ n =

[

Q
3n+1
n
π 3n+1
R n

]n × r

(4.5)

The shear stress during printing can be derived with the aid of shear
rate-shear stress curve accordingly. The printing pressure used for each
configuration need to be properly adjusted. 25G, 27G and 30G needle tip
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Figure 4.1: Schematic of extrusion-based bioprinting. Left: flow through a bioprinting
needle. Right: stress distribution and the velocity distribution

was selected for this experiment. The extrusion time, which is the duration
for the hydrogels (with a certain volume) to be fully extruded out from the
nozzle under their respective optimal printing pressures, were recorded for
the calculation of flow rate [322]. The shear stress can be derived as
[
τ =m

Q
3n+1
n
π 3n+1
R n

]n × r

(4.6)

4.2.10 Evaluation of UV duration effect on cell survival rate (post-printing)
UV radiation reinforce mechanical stability of the constructs, while prolonged UV duration may in turn compromise the cell viability. Therefore,
it is critical to balance the mechanical property and biological functions. To
determine the influence of UV exposure time on cell viability, two different
printing processes were designed. (i) Single layer of square pattern (1.4 ×
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1.4 mm) (as shown in Figure 4.2c) was printed and exposed to UV lamps
with different UV scanning speed (100, 200, 400, 600, 800, 1000 mm/min)
and times (1, 3, 5, 7, 9, 11), X time indicates the number of times UV pen
scanned the pattern. Both C2C12 and HUVECs were examined. (ii) Cellladen GMGAGG constructs with 1, 3, 5, 7, 9 and 11 layers were printed
into circular pattern under fixed printing speed and pressure (400 mm/min,
2.8 bar) (Figure 4.2c). Layer thickness was set at 250 µm. Cells in the
bottom-most layer of the constructs were imaged by fluorescent microscope.
In addition, C2C12-laden GelMA-GG was printed as control.

4.2.11 Statistical analysis
All results were expressed as (mean value ± standard deviation (SD)). The
results were evaluated by one-way ANOVA analysis coupled with the Tukey
test. Differences were considered statistically significant when p ≤ 0.05 and
greatly significant when p ≤ 0.001.
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Figure 4.2: Schematic of three printing stages. a. Cells in printing syringe over time.
b. Cells under shear stress in the needle tips. c Cells under UV irradiation. c1. cells in
single layer filament exposed to UV irradiation. c2. cells printed in multi-layer constructs
under layer-by-layer UV curing.
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4.3 Results and discussion
Bioprinting enables the construction of complex structures by direct deposition of cells, materials or other biomolecules based on a pre-designed pattern.
In comparison to other printing technologies such as metal printing or polymer printing, bioprinting is a highly demanding technology since the cells
involved in the printing process require stringent surrounding environment,
namely, bio-ink. In Chapter 3, a layer-by-layer UV curing bioprinting process which allows the construction of structures with high aspect ratio using
low viscous GelMA-GG bio-ink was established. The UV radiation greatly
improved the printing fidelity, which in turn yielded constructs with dense
network. Herein, we introduce gelatin to the composite bio-ink to create a
more cell friendly environment.

4.3.1 Evaluation of rheological property of the bio-ink
Rheological property such as shear thinning of a bioink is an important
parameter for indication of printability and cell survivability during printing. Here, the rheological property of bioinks with varying composition were
investigated. GMGAGG represents GelMA-gelatin-gellan gum composite
hydrogel and GelMA-GG represents GelMA-gellan gum composite hydrogel. The 2.5-5-0.2 GMGAGG exhibited a decreased viscosity with increasing
shear rate (as shown in Figure 4.3), which demonstrated the shear thinning
behavior of the blended hydrogel. Figure 4.3 also showed that GMGAGG
exhibited a relatively higher viscosity across the entire range of applied shear
rates in comparison with GelMA-GG 7.5-0.1 and 7.5-0.2, indicating the improved printability of the bio-ink.
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Figure 4.3: Rheological behavior of GMGAGG and GelMA-GG composite bio-ink.

4.3.2 Gelatin release (TNBSA)
TNBS is a highly sensitive and rapid chemical used to calculate the free
amino groups. The reaction of TNBS with primary amines gives rise to a
highly chromogenic product that can be readily measured at 335 nm. TNBS
method is conducted for titration of free amino groups of lysine and hydroxy
lysine residues in gelatin. To determine the amino group concentration, the
results were compared with a standard curve. The standard curve was plotted with glycine dissolved in a series of concentrations. Gelatin exists in
the composite hydrogel will gradually leach out during incubation in culture medium. As illustrated in Figure 4.4, no significant difference on the
amino group concentration in the culture medium on day 1, 3 and 5 was observed. The amino group concentration was found to be 38-38.6 µg/ml. This
revealed that the uncrosslinked gelatin in the composite hydrogel mostly dis-
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solved in medium in the first 24h-incubation, thus the gelatin content in the
printed structure should reach stability within 24h.

Figure 4.4: A. Quantitative analysis of gelatin release with TNBS. B.The zoom in view
of amino acid concentration from 38-38.6 µg/ml

4.3.3 Structure integrity of the printed GMGAGG constructs
The release of gelatin from the composite hydrogel will weaken the constructs
and may compromise the structural integrity. To evaluate the stability of
the printed constructs, the structural integrity of the printed constructs
(GMGAGG and 7.5-0.2 GelMA-GG) with different layers (10 layers and 20
layers) were investigated up to 21 days. As demonstrated in Figure 4.5,
structural collapse occurred in constructs printed with GMGAGG within 21
days, while 7.5-0.2 can be maintained up to 21 days.
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Figure 4.5: Structural integrity of printed constructs at varied time point in dPBS.

4.3.4 Enzymatic degradation study
Controlling the degradation rate of the printed construct is crucial because
the construct functions as a temporary supportive template that should degrade over time, ideally match the rate of tissue regeneration. Here, we
investigated the degradation rate of GMGAGG hydrogel and GelMA-GG
hydrogel with varied concentrations. It is reported that gellan gum and
GelMA degrade quite slowly in PBS [323]. However, gellan gum and GelMA
could be gradually degraded upon exposure to lysozyme and collagenase, respectively. To analyze the degradation rate of the GelMA-based bioink, the
bio-ink samples were incubated in PBS solution with 0.02% collagenase. As
Figure 4.6 depicted, pure GelMA (5%, 7.5%, 10%) all completely degraded
within 2 days. This is in good agreement with the previous findings [324].
All the bio-inks experienced a sharp decrease in weight (less than 20% weight
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remained) within the first 5 days. Generally, bio-inks with higher GelMA
ratio exhibited a faster weight loss rate. Notably, with the same GelMA
concentration, construct with smaller pore sizes (as shown in Chapter 3,
Figure 3.10) exhibited a slower degradation rate. For instance, with fixed
GelMA concentration at 7.5%, 7.5-0.5, which encompass denser network
degraded slower than 7.5-0.1 and 7.5-0.2 GelMA-GG. From 10 days to 28
days, all the GelMA-GG bio-inks remained stable and no significant weight
loss was observed. Notably, the remaining mass was in accordance with
the gellan gum concentration. As demonstrated in the work by Xu et al.
[323], gellan gum degraded to 20% of their initial weight after 16 days when
immersed in PBS with 0.5 mg/mL lysozyme. As there was no lysozyme,
gellan gum could barely be degraded. In comparison to GelMA-GG hydrogel, GMGAGG constructs fully degraded within 16 days. The release of
gelatin resulted in looser network and obviously weaker mechanical property
compared to GelMA-GG, and thus leading to significant faster degradation
of the constructs. Taken together, the degradation of construct in vivo is
highly concentration dependent and therefore could be well modulated to
facilitate cell migration and ingrowth.

4.3.5 Biocompatibility of GMGAGG
The C2C12 cells were printed using the 2.5-5-0.2% w/v GMGAGG bioinks into 3D lattice structure. As revealed by the microscopic imaging, the
majority of C2C12 were elongated on day 3. Live/dead staining on day
10 further confirmed the high cell viability and network formation within
the printed constructs (Figure 4.7). In comparison to GelMA-GG printed
constructs (5-0.5), in which cells started to elongate on day 7, GMGAGG
exhibited superior biological property. This was due to the gelatin release
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Figure 4.6: Degradation profile of composite bio-inks for 28 days. A. Degradation of
GelMA 10%, GelMA-GG (5-0.5, 7.5-0.1/0.2/0.5 and 10-0.1/0.2) and GMAGAGG 2.5-50.2. B. Degradation of 5% and 7.5% GelMA. C. Zoom-in view of the degradation from
day 7 to day 28.

during incubation which created more space for cell spreading, elongation
and migration.
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Figure 4.7: Biocompatibility of GMGAGG for 10-days culture.

4.3.6 In vitro cell viability in printing syringe over
time (before printing)
In conventional tissue engineering method, such as casting, cells are flooded
with bulk of materials and biomolecules in a short period of time, while 3D
bioprinting may require a longer processing time according to the thickness
and complexity of the constructs. The rapid operation process reduces the
risk of cell damage or death. By contrast, tedious bioprinting process poses
great challenge to cells. Before printing, cell-laden bio-inks are loaded into a
printing syringe and resting before printing. To examine how stable are the
cells suspended in the bio-inks, cell survival rate over 150 min using C2C12
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and HUVECs in GMGAGG hydrogel were investigated at room temperature (Figure 4.8a). GMGA was run as control group. The cell viability is
calculated by dividing the number of viable cells by the number of total cells
and multiplying by 100. The number of cells in the images were obtained by
Image J software. The statistical analysis in Figure 4.8b revealed that for
both cell types, the number of viable cells reduced with the increasing incubation time, yet at a different rate. Generally, both cells types maintained
overall cell viability greater than 80% over a 150 min incubation (as shown
in Figure 4.8b, red dash line). Significant difference in cell viability occurred
after 90 min. Particularly, C2C12 exhibited higher cell survival rate (over
90%) than HUVECs in both GMGAGG and GMGA bio-inks, which was
indicative of the C2C12’s robustness in comparison with HUVECs.
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Figure 4.8: Cell viability of both C2C12 and HUVECs over 150 min (prior to printing).

4.3.7 Evaluation of shear stress effects on cell viability
over time (during printing)
It is reported that the major cause for cell damage and loss of overall viability
is the shear forces present in the needle during printing. Here, with varied
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incubation time, the coupling effect of incubation time and shear stress on
cell survival rate was investigated.
The flow rate of GMGAGG 2.5-5-0.2 hydrogel in the printing nozzle 25G,
27G and 30G was obtained as shown in Table 4.1.
Table 4.1: Optimum printing pressures for hydrogels and computed flow rate of the
GMGAGG bio-ink.

Parameters

25G

27G

30G

Pressure (Bar)

1.5

2.8

4

Flow rate (mm/s)

16.8

10.8

7.46

The power-law index and the shear rate was shown in Table 4.2.
Table 4.2: The power-law index (n), and the shear rate in 25G, 27G, 30G.
Parameters

25G

27G

30G

n

0.086

0.086

0.086

m

19.24

19.24

19.24

Shear rate (1/s)

947.23 755.03 682.85

Shear stress(Pa)

34.67

34.00

33.71

In comparison to non-printed cells at different time point (Figure 4.8),
the number of viable cells of both C2C12 and HUVECs decreased after
extruded from the printing nozzle, regardless of needle tip size. According to
the results of each time point, increasing cell loss was observed along with the
decreased nozzle diameter, especially after 60 min incubation. As recorded
in Table 4.2, shear stress generated in the three different needles were similar.
With incubation time shorted than 60 min, cells printed with three needles
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yielded similar cell survival rate. While with time increased, cells in narrower
needles (27G and 30G) induced greater cell damage in comparison to 25G
(Figure 4.9b). Especially for HUVECs, which experienced significant drop
in viable cell numbers after 90 min. Particularly, only 60% of HUVECs
were found to be viable after printed with 30G needle. This highlights the
coupling effect of time and shear stress on cell viability.

Figure 4.9: Cell viability of C2C12 and HUVECs printed with different needle sizes.
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4.3.8 UV duration effects on cell survival rate (single
layer)
As the layer-by-layer UAE bioprinting method utilizes UV source (365 nm
wavelength, 500 mJ/cm2 ) to stablize the printed constructs, the critical effects of UV on printing resolution and cell behaviors should be examined.
Firstly, the UV radiation effect on single layer cell-laden GMGAGG using
C2C12 and HUVECs (as shown in Figure 4.2c-c1) were investigated. Different UV exposure time was controlled by adjusting UV scanning speed.
For each layer, UV scanning times were varied from 1 to 11 times. Control
group that without UV crosslinking was printed along with the varied UV
scanning times. The corresponding UV exposure time for each construct is
shown in Table 4.3.
Table 4.3: The total UV exposure time for each configuration.
UV scanning time (s)
UV scanning speed

1 time

3 times

5 times

7 times

9 times

11 times

100

1.188

3.564

5.94

8.316

10.692

13.068

200

0.594

1.782

2.97

4.158

5.346

6.534

400

0.297

0.891

1.485

2.079

2.673

3.267

600

0.198

0.594

0.99

1.386

1.782

2.178

800

0.148

0.444

0.74

1.036

1.332

1.628

1000

0.118

0.354

0.59

0.826

1.062

1.298

ctrl

0

0

0

0

0

0

(mm/min)

As shown in Figure A and Figure B (Appendix A and B), the filament
width of single layer printed GMGAGG using C2C12 and HUVECs were
not very consistent. This is owing to the weakened mechanical property
in comparison to GelMA-GG. The rapid gelatin release may also compro-
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mise the structural integrity when immersed in live/dead staining solution.
Moreover, the different cell density of C2C12 and HUVECs yielded varied
viscosity of the final GMGAGG bio-ink. Lower viscosity was observed with
more cells encapsulated. Filaments printed with HUVEC-laden GMGAGG
bio-ink clearly showed a narrower average filament width.

Figure 4.10: Cell survival rate with varied UV scanning times and UV scanning speed.

With regard to cell viability, the control group without UV crosslinking
confirmed the cell damage induced either by prolonged incubation time or
shear stress (Figure 4.10). Cell viability displayed a UV duration-dependent
tendency. With the same scanning speed, increasing UV time led to increased cell death. With the fixed scanning times (1, 3, 5, 7, 9, 11), varied
scanning speed has shown minor effects on cells, especially C2C12 cells. Notably, given a similar exposure time, cell under 1 time 200 mm/min scanning
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exhibited higher viability than three times 1000 mm/min scanning. With
increased UV exposure times, HUVECs underwent dramatic cell damage after 5 times scanning (Figure 4.10b), regardless of scanning speed. With 11
times UV exposure, HUVECs was observed with a viability of 50.6%. This
revealed that HUVECs were highly susceptible to UV crosslinking.

4.3.9 UV duration effects on cell survival rate (multiple layer)
In terms of building thick constructs, materials are deposited layer-by-layer.
It is critical to ensure a suitable UV radiation duration that not only achieves
adequate crosslinking but also high cell viability. Motivated by this, multilayer constructs (1, 3, 5, 7, 9, 11 layers) with C2C12 and HUVECs were
prepared (Appendix C and D: Figure C and D ). To investigate the influence of different materials, GelMA-GG with C2C12 cells were also printed
as control group (Figure 4.11c). In this session, the influence of UV on cell
viability was characterized instantly post-printing by evaluating the cells at
the bottom-most layer of the constructs using live/dead staining kit. The
cells at the bottom-most layer would be those that had been subjected to
the longest UV exposure and most prone to cell death caused by UV exposure, if any. The results in Figure 4.11a demonstrated that for 1-layer,
3-layer, 5-layer and 7-layer constructs, cell viability of C2C12 in GMGAGG
maintained above 90%. Starting from layer 9, cell viability showed a slightly
drop but still remained above 80% (dash line in Figure 4.11a). While with
regard to HUVECs, they were more sensitive and fragile than C2C12, which
is consistent with the above findings. 1-7 layer constructs encompass cell
viability over 80%, while viable cell number dropped slightly from 9-layer
onwards (Figure 4.11b). Nevertheless, in comparison to single layer print118

ing with same UV exposure time, cells in multi-layer constructs displayed a
higher cell viability and better stability. Similar trends has been observed
in C2C12-laden GelMA-GG ( cell viability over 85%)(Figure 4.11c). Taken
together, as the damages on cells s depending on the UV effective dose received by the cells, the results suggested the shield effect of materials and
that varied scanning times and UV per se has significant effect on single layer
printing with cells, while less significant effect on multiple layer constructs
with the same exposure time.
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Figure 4.11: Analysis of cell viability in multi-layer printed GMGAGG constructs.
a.C2C12 viability in the bottom-most layer of printed GMGAGG constructs. b.HUVECs
viability in the bottom-most layer of printed GMGAGG constructs. c.C2C12 viability in
the bottom-most layer of printed GelMA-GG constructs.

In addition to cell viability, printing resolution was monitored by measuring the width of the printed ring pattern (1, 3, 5, 7, 9 and 11 layers) with
thinner filaments indicating higher printing resolution. As shown in Figure
4.12a, in printed C2C12 with GMGAGG, a slower UV scanning speed led
to a higher printing resolution. As the number of printing layers increased,
the effect of UV scanning speed on the filament width seem to diminish. It
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can be seen that the increase in filament width with increasing UV scanning speed to be at the most prominent when printing 1 and 3 layers. The
results indicated that under a fixed printing speed and printing pressure, a
slower UV scanning speed led to a longer UV crosslinking duration which
resulted in higher degree of UV crosslinking and consequently reduced bioink spreading when subsequent layers were printed directly over it. Hence,
filament width in each layer tends to be more stable and consequently improving the overall printing resolution and structural fidelity. Structural
collapse occurred in control group after deposition of 7 layers due to insufficient self-support capability without UV crosslinking. The control group
using GelMA-GG has also exhibited similar trends (Figure 4.12c). While
with lower viscosity, GelMA-GG allowed only 5 layers’ stacking in the absence of UV radiation. However, significant difference in printing resolution
was identified in HUVECs/GMGAGG (Figure 4.12b). The filament width
of C2C12/GMGAGG ranged from 400 µm to 1000 µm, while that of HUVECs/GMGAGG ranged from 400 µm to 600 µm. The filament width was
relatively consistent, regardless of printing layers. One of the possible reasons might be due to the difference in cell density. As demonstrated by
Diamantides et al. [325], rheological property of the bio-ink is affected by
cell seeding density. Higher cell seeding density resulted to lower viscosity
bio-ink. Therefore, GMGAGG with HUVECs was stiffer than C2C12-laden
GMGAGG. Further, for bio-inks with higher viscosities, the deposited bioinks tend to be more stable and the UV irradiation effect is not less obvious
than that in low viscous bio-inks on printing resolution.
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Figure 4.12: Filament width of printed of constructs. a. Filament width of printed
C2C12/GMGAGG. b. Filament width of printed HUVECs/GMGAGG. c. Filament
width of printed C2C12/GelMA-GG.
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4.4 Summary
In this Chapter, a suitable bio-ink was formulated by introducing gelatin
into GelMA-GG composite hydrogel. Material characterizations including
rheological property, gelatin release, structural integrity, degradation and
biocompatibility have been conducted and compared with GelMA-GG bioink. The addition of gelatin endowed the bio-ink with a dynamic mechanical property. The bio-ink was found to be initially bioprintable and cellpermissive during incubation. In addition, cell viability, as a fundamental
indicator, over the entire bioprinting process was analyzed. The bioprinting
process could be categorized into three different stages: a. Before printing,
cells were resting in printing syringe; b. During printing, cells were passing
the printing needle tip; c. Crosslinking. Both C2C12 and HUVECs were examined in the three stages. Specifically, cell damage and loss were observed
throughout all these three stages. Long incubation time in the printing syringe could damage the cells before printing. However, in comparison to the
other two stages, the damage was minor and only applicable to those thick
and complex structures. Furthermore, the shear stress in printing needle has
been calculated and the coupling effects of incubation time and shear stress
were investigated. A narrower needle tip exerts higher shear force on the
cells, which is detrimental and should be minimized. The balance between
needle diameter and cell viability could be adjusted via several parameters
including pressure and printing speed. Lastly, the influence of UV duration
on cell viability in terms of single layer printing and multi-layer printing was
analyzed. In single layer printing, cell viability was found to be UV durationdependent. HUVECs were more sensitive than C2C12. In addition to single
layer printing, cell survival rate in the bottom-most layer of multilayer con-
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structs has also been investigated. In comparison to single layer printing,
cells exhibited higher viability in multi-layer printing, suggesting the shield
effects of materials in multi-layer printing.
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Chapter5
3D Bioprinted Constructs with Highly Efficient
Capillary Force Assisted Cell seeding

5.1 Introduction
Skeletal muscle injuries have been estimated to affect millions of people in
United States. Although skeletal muscle has endogeneous self-regeneration
capability for minor injuries, massive muscle damage cannot be regenerated
spontaneously and usually requires surgical interventions. Autologous muscle transfer is considered to be the gold standard. The healthy tissue in
vicinity with the dense vascular network and nerve-muscle junction will facilitate the muscle regeneration [6]. Yet the tissue availability, donor site
morbidity and insufficient innervation still remain to be challenging. The
advances in biological science have achieved some progress in restoring the
muscle function through cell transplantation [7, 8, 9, 10]. However, the low
expansion capacity, low cell viability potentially caused by poor localization
or immune rejection and limited integration with host tissues await to be
addressed.
Tissue engineering has evolved tremendously over the decades. By incorporating biomaterials, cells and functional molecules, tissue engineering
strategies have been attempting to piece together instructive elements to
build artificial tissue models, and therefore, achieve functional recovery. As
reviewed in Chapter 2, a plethora of bioengineering methods including geometrical constraints, electrospun fibers, electrical and mechanical stimulations have been implemented to constructs in vitro muscle tissue models, in
both 2D and 3D. In the the current research of tissue engineering of organized and aligned cells constructs, majority of the work is limited to micron
scale or with relatively thin layer, which is inadequate for volumetric muscle
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loss (VML).
3D bioprinting is driving the major innovations in many fields as it enables the fabrication of tissue constructs with diverse cell types, multiple materials, heterogeneous properties and relatively large and thick constructs.
3D bioprinting provides superior structural feasibility, yet the printing process can be tedious for large and complex constructs. Cells exposed to the
prolonged printing process could be damaged, especially for some sensitive
cells.
Capillary action is a ubiquitous phenomenon and can be found in many
applications, such as wound care and absorbent textiles [326, 327, 328].
It is advantageous that capillary action could distribute the liquid within
sufficient small spaces in a highly efficient manner in the absence of external
pressure.
A variety of cell sources has been investigated for their myogenic potential, such as immortal cell lines C2C12 and L6, ESCs, iPSCs, and MSCs.
Among them, the immortalized C2C12 myoblast cell line is widely studied
[41, 67, 76, 79], and has been frequently used by many researchers to engineer 2D myotube constructs. The C2C12 cell line differentiates rapidly,
forming contractile myotubes and producing characteristic muscle proteins.
Additionally, skeletal muscle tissue consists a bunch of cells. Each cell
plays their specific role to support the entire tissue working in a wellorganized manner. As skeletal muscle demands high oxygen, vascularization
is essential and should be considered to for capillary network formation. In
order to study the cell-cell interactions, endothelial cell is co-cultured with
myoblasts. In this study, human umbilical vein endothelial cells (HUVECs)
are utilized as they are readily available, easy to manipulate, highly proliferative, and possible to migrate and integrate with new tissues [329].
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Herein, with 3D bioprinting technology and capillary action, we are able
to fabricate large 3D bioprinted muscle constructs with unidirectional channels and high cell density fast and efficiently. In this research, C2C12 and human umbilical vein endothelial cells (HUVECs) were co-cultured. Parametric study including the effects of line spacing of the constructs and seeding
density on cell orientation was examined. The optimal co-culture medium to
support both cell types were formulated. The immunofluorescence analysis
of printed constructs was performed to confirm the feasibility of applying
bioprinting-based strategy and capillary action to fabricate 3D skeletal muscle constructs.

5.2 Material and method
5.2.1 Bio-ink preparation
GelMA was prepared by reacting 10% (w/v) gelatin (Sigma Aldrich, type
A from porcine skin, 300g Bloom, Singapore) with methacrylic anhydride
(Sigma Aldrich) at 50°C based on well-established protocol [312]. The solution was dialyzed in 12-14kDa dialysis tubing (Sigma Aldrich) against
distilled water at 40 ◦ C for 1 week, followed by 1-week lyophilization. It
was then stored at -30◦ C for future use. Irgacure 2959 (Sigma Aldrich) was
dissolved in 10% PBS (v/v) at 70 ◦ C to achieve the final concentration 0.1%
(w/v) as described before [310]. 6% sucrose (Sigma Aldrich) was added to
generate an isotonic solution. GelMA was added into the PBS-based reagent
at room temperature to achieve the concentrations at 7.5% (w/v). Gelatin
and gellan gum solution were prepared by dissolving gelatin and gellan gum
(Sigma Aldrich, GelzanT M CM, Gelrite) powder in the PBS-based solution
to a concentration of 15% and 0.6%(w/v) respectively. The GelMA-gelatin127

gellan gum composite bio-inks were generated by mixing GelMA, gelatin
and gellan gum solution at 45◦ C in 1:1:1 ratio for 1h to achieve honogeneous
GelMA-based composite bio-inks. 5% GelMA was prepared by dissolving
GelMA foam in DMEM. 7% gelatin solution was prepared as sacrificial materials to create hollow channels for nutrient and oxygen supply in the constructs.

5.2.2 Printing process (Prior to cell seeding)
All the constructs were printed with Regenhu (Villaz-St-Pierre, Switzerland)
bioprinting system. The printer is equipped with a built-in UV lamp (500
mW, 365 nm wavelength) to crosslink the photocurable materials. GMGAGG and gelatin bioink were loaded into sterile plastic syringes and then
inserted to extrusion-based cartridges. Printing schematic was shown in Figure 5.1. The constructs (L × W × H = 9 mm × 9 mm × 7 mm) with different
line spacing (1.5 mm, 1.2 mm, 1.0 mm) were then kept dry in petri dish.
Upon finishing the constructs, gelatin was extruded with another printhead
to fill some of the hollow channels.

5.2.3 Capillary action assisted cell seeding
To evaluate the feasibility of capillary seeding of soft materials, scaffolds
with varied line spacing (1.5 mm, 1.2 mm, 1.0 mm) were investigated using
cell-laden GelMA solution. C2C12 cells suspended 5% GelMA solution was
pipetted onto hydrophobic petri dish. The printed constructs were immediately placed on the top of the cell-laden GelMA solution. . It was observed
that the cell-laden GelMA solution started to fill the hollow channels of the
constructs through capillary force. The liquid suction process was visualized
by food dye.
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Figure 5.1: Schematic of capillary force assisted cell seeding in 3D printed constructs.

To examine the influence of cell seeding density on cell orientation, 5
× 106 , 10 × 106 , 20 × 106 and 50 × 106 cells/ml were prepared and scaffold with 1.2mm line spacing was utilized for capillary seeding. The seeding
process was repeated and visualized by phenol red. The constructs were instantly transferred to a cold petri dish on ice to stabilize the GelMA solution
for 5 min. The constructs were subsequently exposed to UV lamp to achieve
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complete gelation of GelMA hydrogel. Thereafter, the constructs were incubated at 37 ◦ C without medium for 20 min to stabilize the cells within
hollow channels. Growth medium was added 20 min later. The constructs
were maintained in growth medium for 5 days and differentiated for 10 days.
For co-culture constructs, HUVECs and C2C12 were mixed in a ratio of
3:7 to achieve of final seeding density of 20 × 106 cells/ml. The cells were
seeded into the hollow channels of the constructs by capillary force in the
same way.

5.2.4 Cell culture and differentiation
Murine C2C12 myoblasts (American Type Culture Collection) were maintained at below 70% confluence in growth medium containing DMEM, 10%
fetal bovine serum (Gibco, Carlsbad, CA) and 1% penicillin–streptomycin
(Gibco). After 7 days culture, growth medium was replaced with differentiation medium, which consists of 2% FBS, 1% penicillin–streptomycin
(Gibco) and DMEM. Human umbilical vein endothelial cells (HUVECs) were
cultured with EndoGRO-LS Complete Culture Media kit (Sigma-Aldrich).
Cells were trypsinized upon 70% confluency and replated. Culture medium
was changed every 2-3 days.

5.2.5 Co-culture medium optimization
One of the critical challenges in co-culture is the lack of compatible medium
for all the cell types. The co-culture medium is supposed to support the
growth of both cell types for long term culture. The optimization of coculture medium was performed by culturing C2C12 and HUVECs individually in different mixture of culture medium (SkGM (skeletal muscle growth
medium), EndoGRO). Different culture medium with varied ratio (skGM:
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EndoGRO) of 1:0, 2:1, 1:1, 1:2 and 0:1 were formulated. Both cells were cultured for 4 days and cell proliferation rate was analyzed as a fundamental
indicator.

5.2.6 Optimization of co-culture ratio
To determine the cell seeding density, C2C12 and HUVECs with varied ratio
of 5:5 and 7:3 were co-cultured for 7 days with optimized co-culture medium.
The initial seeding density included 1 × 106 and 2 × 106 cells per 24 well.
Cell growth and proliferation rate were analyzed.

5.2.7 Immunostaining
Constructs with C2C12 and C2C12/HUVECs were fixed with 4% (v/v)
paraformaldehyde for 40 min at room temperature, rinsed 3 times in PBS,
then permeabilized with 0.1% (v/v) Triton X-100 for 30 min at room temperature. Afterwards, the samples were thoroughly rinsed 3 times. 3% bovine
serum albumin in PBS was used as blocking buffer. The constructs were
then incubated at room temperature for 1 hour. The samples were washed
thrice after the removal of blocking buffer. C2C12 samples were incubated
with mouse anti-MF-20 antibody (MF20; 1 µg/ml; Developmental Studies
Hybridoma Bank, Iowa City, IA) at 4 ◦ C overnight and washed with PBS.
The samples were then incubated with fluorescein isothiocyanate-conjugated
anti-mouse antibody (1:100 in dPBS, Sigma-Aldrich) for 1 hour at room
temperature. Thereafter, ActingreenT M 488 ReadyProbe and NucBlueT M in
PBS were added to each sample and incubated for 30 min away from light to
stain F-actin and nuclear. C2C12/HUVEC constructs were incubated with
MF20 and rabbit Anti-CD31 antibody (Abcam, ab28364). The constructs
were than incubated with secondary antibodies, fluorescein isothiocyanate131

conjugated anti-mouse antibody (1:100 in dPBS, Sigma-Aldrich) and Alexa
647-conjugated anti-rabbit IgG (Abcam, 1:200 in dPBS). The staining solution were then removed and washed with PBS three times. The images were
analyzed using NIH Image J software. The cells that were aligned within ±
10◦ of the construct direction were defined as aligned cells.

5.2.8 Statistical analysis
All results were expressed as (mean value ± standard deviation (SD)). The
results were evaluated by one-way ANOVA analysis coupled with the Tukey
test. Differences were considered statistically significant when p ≤ 0.05 and
greatly significant when p ≤ 0.001.

5.3 Results
5.3.1 Printed constructs
The schematic of constructing skeletal muscle tissue models was illustrated
in Figure 5.1. Briefly, the engineered constructs with unidirectional channels was designed and printed using layer-by-layer UV assisted bioprinting,
followed by capillary-assisted cell seeding. The constructs were composed
of GMGAGG scaffold, gelatin as a sacrificial material and the hollow channels for capillary seeding. GMGAGG scaffolds with varied line spacing were
displayed in Figure 5.2a. The average line spacing of each scaffold was measured to be 1035.45 ± 54.53 µm, 794.73 ± 45.28 µm and 673.11 ± 33.96 µm,
respectively. To ensure cell viability in the constructs, we employed gelatin
as sacrificial material in the printing to create hollow channels during incubation. As illustrated in Figure 5.2c, 2 selected channels were filled with
gelatin solution to show the feasibility of the method. Food dye was utilized,
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for the ease of visualization. Figure 5.2d showed the complete construct with
gelatin in the channels and Figure 5.2e is the top view. The remaining hollow
channels were used for capillary seeding. As shown in Figure 5.3, GMGAGG
scaffold with line spacing 1.2 mm was investigated for capillary seeding. The
5% GelMA solution filled up the hollow channels within 25s.

Figure 5.2: Printed of GMGAGG constructs. a. Printed scaffolds with varied line spacing
(1.5 mm, 1.2 mm and 1.0 mm). b. The side view of the printed construct. c. Two channels
of the printed constructs filled with gelatin solution. d. The printed construct filled with
gelatin solution for capillary seeding. e. The top view of the constructs
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Figure 5.3: Capillary action assisted cell seeding in 3D printed GMGAGG constructs.

5.3.2 Evaluation of varied line spacing effect on cell
orientation
The coupling effects of geometrical confinement and capillary force-assisted
seeding on cell orientation were investigated by adjusting the line spacing of
the 3D printed constructs. The constructs with three different line spacings
(1.5 mm, 1.2 mm, 1.0 mm) were prepared. They were cultured in growth
medium for 5 days and followed by 10-day differentiation. As demonstrated
by immunostaining in Figure 5.4, the control group, where cell-laden GelMA
was casted onto petri dish, the cells exhibited random orientation. Whereas,
the cells within the constructs exhibited various degrees of alignment with
the decreased line spacing inducing better alignment of cells. Particularly,
line spacing at 1.5 mm showed the lowest degree of cell alignment (39.3% ±
4.6%), while line spacing at 1.2 mm and 1.0 mm had similar and relatively
high cell alignment at about 70%.
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5.3.3 Effect of cell density on cell orientation
To determine the optimal cell seeding density, four different cell densities
were investigated using constructs with line spacing at 1.2 mm. Cell orientation was examined after 10-day differentiation. As depicted by DAPI and
F-actin staining, seeding density at 5 × 106 yielded random cell organization
(Figure 5.5). Cell alignment was observed with seeding density over 10 ×
106 cells/ml. Notably, 10 × 106 cells/ml seeding density showed 58% cell
orientation, and 20 × 106 cells/ml has exhibited a better cell alignment of
66%. Strikingly, with 50 × 106 cells/ml, GelMA within the constructs was
observed with significant cell mediated gel compaction. As shown in Figure
5.5, in comparison to constructs with other densities, apparent thinning gel
with 50 × 106 cells/ml were observed. The cell-laden gel width was reduced
from 600-700 µm to an average width about 50-60 µm. Taken together,
constructs with 1.2 mm line spacing and 20 × 106 cells/ml were selected for

Figure 5.4: The influence of line spacing on cell orientation.
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the following studies.

Figure 5.5: The influence of cell seeding density on cell orientation.
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5.3.4 Formulation of co-culture medium
As shown in Figure 5.6, C2C12 was relatively robust and able to grow and
proliferate in EndoGRO medium but in a slower rate in comparison to other
medium with skGM. The proliferation results of C2C12 in Figure 5.7 demonstrated that the growth rate of C2C12 decreased with the increased ratio of
EndoGRO. However, the results revealed that HUVECs were highly sensitive to medium change . HUVECs could hardly survive for 4 days when the
medium has a ratio of EndoGRO lower than 50% (Figure 5.8). The growth
rate of HUVECs increased with the increasing EndoGRO ratio. Taken together, EndoGRO allowed the growth of C2C12, while skGM was unable to
support HUVECs. To ensure the growth, proliferation and achieve proper
cell morphology of both cell types, skGM : EndoGRO= 1:2 was selected for
co-culture study.
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Figure 5.6: Morphology of C2C12 and HUVECs in co-cultured medium with varied combination.
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Figure 5.7: Proliferation study of C2C12 in co-culture medium with varied combination
over 4 days.

Figure 5.8: Proliferation study of HUVECs in co-culture medium with varied combination
over 4 days.
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5.3.5 Evaluation of ratio of co-cultured cells
To determine the optimal cell seeding density, cells with two different ratios
(C2C12:HUVEC = 5:5 and 7:3) were analyzed. Growth condition of the cells
was depicted in Figure 5.9. The proliferation study showed that (Figure 5.9)
with higher ratio of C2C12, the group showed a faster growth rate from day
2 to day 5, independent of initial seeding density. All the groups achieved
90% confluence after 7 days culture. The results suggested that 30% of
HUVECs was sufficient to support the growth of C2C12.

5.3.6 Immunofluorescence analysis of co-cultured constructs
Immunofluorescence staining of the printed constructs with both C2C12 and
C2C12/HUVECs (7:3) were performed after 10-day differentiation. Casted
GelMA hydrogel with C2C12/HUVECs (7:3) were run in parallel as control. The constructs were stained with myosin heavy chain (MHC), cluster
of differentiation 31 (CD31) and DAPI. MHC is a differentiation marker of
skeletal muscle tissue and signifies the myotube formation. CD31 is also referred to as platelet endothelial cell adhesion molecule-1 (PECAM-1) and
expressed ubiquitously within the vascular compartment. CD31 is used
primarily to demonstrate the presence of endothelial cells. As shown in
Figure 5.10, MHC+ cells indicated the formation of longitudinally aligned
myofibers in both printed constructs. While in control group, MHC were
barely expressed. The expression of endothelial cell marker CD31 confirmed
the presence of HUVECs. The involvement of HUVECs did not interrupt
the myotube alignment in the constructs.
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Figure 5.9: Co-cultured cells with varied ratio of C2C12:HUVECs=5:5 and 7:3. A. Microscope imgaing of the co-cultured C2C12/HUVECs in different ratios and cell numbers.
B. Proliferation study of the co-cultured C2C12/HUVECs over 7 days.
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Figure 5.10: Immunostaining of co-cultured constructs, constructs with C2C12 alone and
2D casting (C2C12/HUVECs) were run in parallel as control,
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5.4 Discussion
Numerous methods have been explored to generate engineered skeletal muscle tissue constructs, yet it is still a daunting task to recapitulate the complexity of muscles with current methods of fabrication. This research aims
to fabricate 3D skeletal muscle constructs with highly aligned cells fast and
efficiently through the collaboration of 3D bioprinting and capillary action.
In the engineered constructs, gelatin was used as a sacrificial material to
create hollow channels to facilitate the capillary action-assisted cell seeding
as well as nutrient and oxygen transportation.
The constructs printed with varied line spacing have provided different
channel width as geometrical confinement. In combination with capillary
force, the cells could be distributed into the channels evenly and aligned,
although with varied orientation degree. As demonstrated, the capillary
force was correlated with the viscosity of the liquid, radius of the capillary
and the traveled distance [330]. The capillary action could be controlled
by adjusting the polymer concentration and the diameter of the capillary.
In this case, GelMA was highly thermosenstive and the viscosity could be
modulated by tuning the temperature.
The initial cell density ranging from 5 to 50 × 106 cells/ml was considered
on improving the cellular organization. The results demonstrated the cell
alignment when using 10 × 106 cells/ml and 20 × 106 cells/ml. Interestingly,
with the seeding density of 50 × 106 cells/ml, cell-mediated gel compaction
was observed. The thinning gel width experienced a significant reduction
from 600-700 µm to about 50-60 µm. Cell-mediated gel compaction is of
critical importance in tissue engineering, embryonic development, wound
healing, and many disease states. Unconstrained gel compaction has been
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reported by some notable research using collagen and fibrin [122, 210, 331].
In our study, unconstrained 10-15% gel compaction is in good accordance
with previous research [210]. Bian et al. has investigated the gel compaction
using collagen and fibrin gels with varied ratios [210] . The results demonstrated that cells encapsulated in fibrin had higher compaction than collagen
gel, suggesting that one of the regulators in the cell-mediated compaction
process is the gel components. In addition, cell-mediated gel compaction
has been demonstrated with other cell types, such as cardiomyocytes or
bovine chordal fibroblasts, indicating the dependence of the degree of gel
compaction on the specific cell type.
To present a physiologically relevant environment, C2C12 and HUVECs
were co-cultured in the constructs. The co-culture medium with skGM : EndoGRO= 1:2 was formulated to support and maintain the growth of C2C12
and HUVECs. The ratio of C2C12 and HUVECs was examined and 30%
HUVECs were recognized to be sufficient to support the growth of C2C12.
As revealed by the immunofluorescence analysis, no myofiber formation was
observed in the control group with random cell orientation. The result was
in good accordance with the previous finding. Further observation on the
MHC staining indicated the longitudinal aligned myofiber formation and the
presence of endothelial cells in both printed constructs. This further highlighted the efficacy of combining the 3D bioprinting technology and capillary
action to achieve 3D cell alignment.
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Chapter6
Conclusions and Future work

6.1 Conclusions
The research has fulfilled the main objective of this project: generating skeletal muscle model with unidirectionally organized cells using an integrated
extrusion-based bioprinting in a highly efficient manner; established a layerby-layer ultraviolet assisted extrusion-based bioprinting strategy with improved printing fidelity which allowed the generation of structures with high
aspect ratio; developed a suitable bio-ink with dynamic mechanical property, superior biocompatibility and printability. The main contributions of
this research are as follows:
1) A layer-by-layer ultraviolet assisted extrusion-based bioprinting strategy was well-established. Structures with high aspect ratio were able to be
achieved using low viscosity bio-inks. A suitable threshold of viscosity for
printing at room temperature was identified.
2) A novel bio-ink with dynamic mechanical properties was developed.
The mechanical property switched from stiff to soft yielded bio-ink to be
initially bioprintable and thereafter cell permissive. This has shed light
on the bio-ink formulation according to cell-specific requirements. The cell
survival rate over the entire bioprinting process were investigated.
3) A novel bioprinting technology and capillary action integrated strategy
was developed to generate constructs with hollow channels mimicked skeletal
muscle tissues. C2C12 and HUVECs were co-cultured within the constructs.
Longitudinal myofiber-like structures and high cell density were achieved.
This is the main structural feature in skeletal muscle tissue engineering.
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6.1.1 Layer-by-layer ultraviolet assisted extrusion-based
bioprinting of hydrogel constructs with high aspect ratio
GelMA-based bio-inks has been investigated extensively in the field of tissue engineering and regenerative medicine due to their cost-effectiveness,
ease of manipulation and outstanding biocompatibility. However, it is well
acknowledged that GelMA with low concentration has limited printability. Some studies have introduced gellan gum to improve the printability.
GelMA-gellan gum (GelMA-GG) bio-ink has exhibited great potential in
improving the printabiliy of GelMA-based bioink, yet the excessive addition
of gellan gum may in turn compromise the biological properties. To balance
the printability and biocompatibility, a layer-by-layer UV-assisted bioprinting strategy to fabricate complex 3D bioprinted constructs with high aspect
ratio using the GelMA-GG bio-inks was introduced. A bio-ink selection
framework including cell encapsulation, cell printing and further characterization has been devised. The results recommended that bio-inks with viscosity lower than 0.124 Pa·s at 37◦ C was suitable for cell encapsulation and
to achieve great homogeneity. With printing temperature around 25◦ C, the
results suggested that materials with viscosity of 0.2-1.0 Pa·s were suitable
for printing of complex 3D cell-laden constructs with high aspect ratio using
layer-by-layer UV-assisted bioprinting strategy. Unlike the previous studies
that UV curing was implemented to stabilize the structure post-printing,
this method could be easily adapted for all light curable materials with low
viscosity and would find great potential in scaffold/bioprinting for tissue
engineering of soft tissues.
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6.1.2 Development of suitable bio-inks and the influence of UV radiation on cell behavior
The lack of suitable bio-ink is one of the major bottlenecks that precludes the
3D bioprinting technology from further applications. In this work, a suitable
bio-ink for soft tissue engineering was formulated by incorporating gelatin
into GelMA-GG composite hydrogel. The bio-ink was recognized with tunable and dynamic mechanical property, which was initially bioprintable and
cell favorable during incubation. The strategy is of considerable benefits
due to the specific requirements of different cells. Apart from bio-ink, cells
are of critical importance in bioprinting. Generally, the bioprinting process
could be divided into three stages in terms of cell status. a. Resting, cells
resting in printing syringe prior to printing; b. Extrusion, cells in the printing needle tip, exposed to shear stress; c. Crosslinking (UV radiation). Cell
survival rate of both C2C12 and HUVECs were investigated over the three
different stages. Specifically, cell damage and loss were observed throughout
all these three stages. The results demonstrated that long incubation time
over 90 min has significant effect on cell viability. However, in comparison to the other two stages, the damage was negligible. Furthermore, the
coupling effects of shear stress in printing needle (30G, 27G and 25G) with
incubation time were analyzed. Cell damage occurred regardless of the size
of the needle used. Further, the results demonstrated that narrower needle
diameter induced greater cell loss over time. Especially after 90 min incubation, cells were identified to be more susceptible to shear stress. Lastly, the
influence of UV duration on cell viability in terms of single layer printing
and multi-layer printing was assessed. In single layer printing, cells viability
was found to be UV duration-dependent. HUVECs were highly sensitive
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to UV radiation in comparison to C2C12. For multi-layer constructs, cell
viability in the bottom-most layer has been examined and compared with
single layer printing. The results revealed that given the same UV exposure
time, cells in multi-layer constructs exhibited higher viability, highlighting
the shield effect of the bio-inks.

6.1.3 3D bioprinted constructs with highly efficient
capillary force assisted cell seeding
In this chapter, engineered constructs with multiple bio-inks and multiple
cell types were generated. The feasibility of applying bioprinting-based strategy and capillary action to fabricate 3D skeletal muscle constructs has been
investigated. Parametric study on cell orientation was performed. Constructs with varied line spacing (1.5 mm, 1.2 mm, 1.0 mm) and initial seeding
density (5 × 106 , 10 × 106 , 20 × 106 and 50 × 106 cells/ml) were investigated. The immunostaining of DAPI and F-actin showed that the decreased
line spacing has yielded better cell alignment. With respect to cell seeding
density, the 5 × 106 cells/ml was unable to generate aligned cell orientation,
while the 50 × 106 cells/ml induced significant cell-mediated gel compaction.
Taken together, 20 × 106 cell/ml is suitable for cell alignment. To provide a
physiological relevant environment, C2C12 and HUVECs were co-cultured in
the printed constructs. A suitable co-culture medium of skGM:EndoGRO
(1:2) was formulated to support and maintain the growth of C2C12 and
HUVECs. The immunostaining confirmed the longitudinal aligned myofiber
formation and the presence of endothelial cells in the printed constructs.
This further highlighted the feasibility of combining the 3D bioprinting technology and capillary action to achieve 3D cell alignment.
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6.2 Future research directions
6.2.1 Development of novel bio-ink
Constructs that only offer structural support are insufficient to restore functionality. Materials that provide instructive cues that could elicit desired
cellular response should be formulated. A large amount of materials have
been explored for their capability of muscle regeneration. Among them,
the use of collagen and fibrin gel for generating muscle constructs has been
well established. However, the batch to batch variation and intrinsic weak
mechanical property have impeded the further application of these natural
materials. Synthetic materials have been proposed to be promising alternatives [193]. Materials with controllable property and could support multiple
cell types should be formulated.

6.2.2 Generation of multicellular constructs
Skeletal muscle tissue consists of several support cells including but not limited to fibroblast, vascular endothelial cells (ECs) and motor neurons, which
enable blood flow and innervation of the tissue. Therefore, it is highly desirable to incorporate multiple cell types in order to capture the cell-cell
interactions in vivo. Particularly, for large tissue defect, not only restricted
to muscle, vascular network is indispensable to avoid necrosis and support
long-term culture. More importantly, achieving de novo innervation of regenerated myofibres remains a stumbling block for functional restoration
of VML injuries. Nevertheless, it is challenging to co-culture and differentiate multiple cell types as each cell type requires distinct surrounding
environment and culture medium. Furthermore, current engineering muscle

149

tissues are mainly based on immortal cell lines such as C2C12, these cell lines
are modified to proliferate indefinitely to facilitate biological experiments.
However, they cannot fully reflect the response of primary cells. Cell type
selection has great impact on the outcomes. The rapid development of iPSC
technology may facilitate the generation of personalized tissues models.

6.2.3 Evaluation of capillary action on cell alignment
This study demonstrated the efficacy of distributing the cells by capillary
action efficiently. Capillary action is a common phenomenon and has been
investigated extensively in hard materials. However, limited study on soft
materials has been discovered. The diameter of the capillary, the viscosity
of the liquid and the travel length are coordinately modulating the outcome
of capillary seeding. A systematic study of capillary action on cell seeding
should be implemented to better facilitate the cell orientation.

150

List of Publications
[1] Zhuang, P., Sun, A. X., An, J., Chua, C. K., and Chew, S. Y. (2018). 3D
neural tissue models: From spheroids to bioprinting. Biomaterials, 154,
113-133.
[2] Zhuang, P., Ng, W. L., An, J., Chua, C. K., and Tan, L. P. (2019).
Layer-by-layer ultraviolet assisted extrusion-based (UAE) bioprinting of
hydrogel constructs with high aspect ratio for soft tissue engineering
applications. PloS one, 14(6), e0216776.
[3] Zhuang, P.,An, J.,Chua, C. K. and Tan, L. P. (2019). The spatial and
temporal exploration for skeletal muscle regeneration. (Submitted)
[4] Zhuang, P., An, J.,Chua, C. K. and Tan, L. P. (2019). 3D bioprinted
Constructs with Highly Efficient Capillary Force Assisted Cell seeding.
(Under preparation)
[5] Zhuang, P., An, J., Tan, L. P., and Chua, C. K. (2018). The current
status of 3D bioprinting for neural tissue models.Proceedings of the 3rd
International Conference on Progress in Additive Manufacturing (ProAM 2018), 14-17 May, Singapore, Singapore.
[6] Zhuang, P., An, J., and Chua, C. K. (2017). Printability study on Gelatin
Methacryloyl(GelMA)-based hydrogel for 3D bioprinting. 2017 International Conference on Biofabrication, 15-18 October, Beijing, China.

151

Appendix A

Figure A: UV effect on C2C12 viability with varied exposure time.
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Appendix B

Figure B: UV effect on HUVEC viability with varied exposure time.
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Appendix C

Figure C: Cell survival rate of printed C2C12 in GMGAGG multilayer constructs.
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Appendix D

Figure D: Cell survival rate of printed HUVECs in GMGAGG multilayer constructs.
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