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ABSTRACT OF THE THESIS 
 

The Development and Evaluation of a Contractile, Hydrogel Scaffold for Skeletal Muscle 

Tissue Engineering 

By AMIN KHALILI 

Thesis Director: 

Joseph W. Freeman, Ph.D. 

Skeletal muscle tissue has the ability to regenerate and return function to the 

damaged areas following an incident that has resulted in muscle loss or injury. However, 

in severe injuries with large volumetric deficiencies, body’s natural healing mechanisms 

fall short and require artificial interventions. There currently exist surgical treatments such 

as muscle flaps to promote healing and help damaged skeletal muscle tissue to return to 

their functional state. However, such treatments have significant drawbacks and often lead 

to a lowered quality life for patients. The field of tissue engineering has demonstrated 

preliminary advances through the use of three-dimensional scaffolds as a solution to 

develop a personalized treatment for volumetric muscle loss. Despite such advances in this 

field, there remains an abundant of hurdles before scaffolds can become widely used in 

clinical setting. Recently tissue engineers have been successful to design skeletal muscle 

scaffolds that led to the fusion of myoblasts into myotubes, however, the lack of electrical 

and mechanical stimuli similar to the native tissue can prevent the formation of functional 

muscle. The overall goal of this research project is to develop polymeric scaffolds to deliver 

the necessary stimuli to form functional skeletal muscles. Herein, Poly(ethylene glycol) 

diacrylate (PEGDA) has been copolymerized with MAETAC to form an electroactive 
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polymer, that can change size or shape as a response to an electric field, has been combined 

with PEDOT:PSS to develop a skeletal muscle tissue engineering scaffold. To that end, 

this project has the following aims: 1) Characterize and optimize a positively charged 

poly(ethylene glycol) diacrylate based hydrogel as an actuating muscle tissue engineering 

scaffold; 2) Develop and optimize an electroconductive self-actuating multilayer scaffold 

for skeletal muscle tissue engineering. 
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Chapter 1: Background and Introduction 

Skeletal muscle is the most abundant tissue in the human body, making up thirty to 

forty percent of body mass, and is also responsible for any movement by coordinating with 

the skeleton. Skeletal muscle tissue loss may occur due to several reasons including 

traumatic injuries, tumor ablation, or infections [1]. One of the most common clinically 

practiced methods today to treat muscle loss is the use of autologous muscle tissue or 

muscle flaps from different regions of the skeletal muscle, either local or distant to the area 

of injury. Despite providing a limited degree of success to return the injured skeletal muscle 

site to a functioning state, there exists a number of challenges associated with both the 

donor and the receiver sites. Some of these challenges are the availability of donor sites, 

tissue design mismatch, donor site morbidity, and loss of functionality leaving patients 

with major difficulties and diminished quality of life [2].  

Human body’s natural healing mechanism reserves the power to repair and restore 

function to small injured sites. However, these mechanisms are often overwhelmed by 

large volumetric tissue loss as well as formation of scar tissue. Scar tissue formation within 

skeletal muscle can cause serious limitations in tissue mobility and functionality. 

1.1 Skeletal Muscle Anatomy and Physology  

Skeletal muscles are made of highly elongated, oriented and multinucleated cells, 

known as myocytes, developed through the process of myogenesis and fusion of myoblasts. 

Specialized striated myocytes in the skeletal muscle are known as fibers. Muscle fibers 

when bound to one another through loose collagenous tissues (perimysium) and supporting 

tissues (endomysium) result in the formation of bundles called as fascicles [3]. These 
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muscle fibers vary in length (from a couple of centimeters up to one meter) and diameter 

(15-100µm) depending on their location and function. For instance, muscles that are 

responsible for precise and controlled movements are much smaller in size and have more 

supporting tissue in their surroundings. On the other hand, muscles that are responsible for 

moving large portions of the human body have much larger fascicles and less supporting 

tissues. The hierarchical structure of the skeletal muscle along with a cross sectional view 

of the tissue is shown in Figure 1.  

Myocytes can be further broken down to myofibrils and sarcomeres. Sarcomeres, 

known as the basic contractile unit of muscle, are made of contractile myofilaments. A 

sarcomere contains both thin filaments, made of actin strands, and thick filaments, 

composed of myosin strands. Sarcomeres are separated via Z-Lines and move closer to one 

another during a muscle contraction. When muscle is at rest, actin and myosin are inhibited 

to interact through tropomyosin and troponin blockage of the actin. However, tropomyosin 

and troponin can release the actin in the presence of calcium ions (Ca2+). Sarcoplasmic 

Figure 1 A) Hierarchical Skeletal Muscle structure. Fasicles , blood vessels, and nerve fibers are 
then wrapped with Epimysium to form a complete muscle tissue. Sarcomeres, which are basic 

contractile unit of muscles made of contractile proteins such as myosin and actin, are shown. B) 
cross-sectional image of the muscle tissue depicting the general arrangement of Fascicles (F), 

Perimysium (P), and endomysium (En). C) Elongated, multinucleated, cylindrical shaped 
myocytes are shown in the longitudinal section of skeletal muscle. Images are based on a Figure 

from Young B. and coworkers [3]. 

B) 

C) 

A) 
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reticulum (SR), a specialized form of endoplasmic reticulum found in muscles, has calcium 

channels connected to voltage sensing proteins located in the membrane of the muscle 

cells. When an action potential is sent from the brain through motor neurons, acetylcholine 

is released at neuromuscular junctions, leading to the activation of sodium channels causing 

depolarization of the muscle tissue. Action potential is then traveled along the cell 

membrane and down to the T-Tubules. Consequently, voltage sensitive proteins are 

stimulated, allowing the passage of calcium ions into the sarcoplasm. Troponin then binds 

to the available calcium ions and along with tropomyosin are moved away leaving the actin 

filament exposed for myosin to bind with. Myosin binds with the actin filament through an 

ATP-dependent cycle that convers ATP to ADP and a phosphate, which then promotes 

myosin to bind and unbind with the acting filament [4].  

For muscle fibers to be able to transfer the created force from their contraction and 

induce movement to different parts of the body, such as bone or skin, they must be 

connected to their surrounding connective tissue called the extracellular matrix (ECM). 

This ECM is made of collagen and elastic fibers that can bear load [5].  

In the case of a small and local injury to the skeletal muscle tissue, regeneration 

occurs when partially differentiated muscle stem cells, also known as satellite cells, travel 

to the site of the injury and enters into the mitotic stage and further differentiate in response 

to certain microenvironmental cues, Figure 2. Satellite cells then fuse together into 

organized, elongated, and multinucleated myocytes aimed at connecting the exposed fiber 

ends. However, for larger defects in which a substantial portion of the skeletal muscle 

tissue has been destructed and the injured tissue is incapable of regeneration, a different 

process takes place [2]. In such cases, satellite cells migrate to the site of the injury and in 
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a process called fibrosis, create a network of connective tissues known as scar tissue, 

resulting in the loss of functionality of the injured tissue [2]. Both tissue regeneration and 

scar formation are natural mechanisms involved in wound healing and consist of four 

interconnected phases of necrosis, inflammation, proliferation, and differentiation of 

satellite cells [6]. Satellite cell proliferation and differentiation requires a close interaction 

with neighboring cells and the ECM. In addition, electrochemical, mechanical, and 

chemical interactions with the microenvironment signal and drive the cells to proliferate 

and differentiate [5, 7].  

Extensive studies on the mechanical properties of skeletal muscles in comparison 

to scar tissue have shown that connective tissue has much less elasticity than muscle cells. 

Therefore, scar tissue can limit the functionality and mobility of the muscle tissue. 

Moreover, skeletal muscle and scar tissue exhibit very different mechanical properties [8, 

Figure 2 Graphical depiction of the myocyte regeneration or scar tissue formation in a 
skeletal muscle. The healing process begins soon after injury and the inflammatory response. 
Satellite cells along with leukocytes rush to the site of the injury. Satellite cells aim to close 
the gap and fuse the fibers ends to one another. If the muscle loss is larger than a critical 
size defect, satellite cells differentiate into scar tissue. Scar tissue formation can lead to a 
significantly reduce tissue’s mobility.  
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9]. For example, scar tissue has a low resistance to rupture with a tendency to be stiffer at 

lower mechanical loadings and a fast relaxation at lower loads.  

1.2 Skeletal Muscle Tissue Engineering 

Because of the above listed limitations and challenges associated with muscle flap 

surgical procedure, current clinical gold standard for volumetric muscle loss treatment, 

tissue engineering offers great potential alternatives to traditional solutions. The underlying 

concept of tissue engineering and tissue regeneration has been to recreate a similar process 

to neoorganogenesis[10]. Although tissue engineers may offer different approaches to 

promote skeletal muscles regeneration, a general graphical depiction is shown in Figure 3. 

This process usually begins by preforming a biopsy to harvest a population of patients cells 

having a myogenic potential. These cells are then expanded in-vitro to achieve a suitable 

Figure 3 Graphical depiction of tissue engineering. Tissue engineering always begins by 
extracting patients’ primary cells. Cells are then expanded in-vitro conditions and later are 

placed on a scaffold where they begin the process of differentiation into the target tissue. Cells 
will be stimulated to mimic the native tissues properties. Cells are then reintroduced and 

implanted into the patient. 
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population density. Following expansion, cells are seeded onto a scaffold to provide the 

necessary three-dimensional microenvironment to achieve differentiation and maturation 

of cells into myocytes. These scaffolds should be designed to closely match the native 

tissue’s ECM and provide similar mechanical and electrochemical stimulation to the 

differentiating cells [11-13]. Once cells have completely differentiated into the functional 

myocytes, they are implanted along with the scaffold into the patient to restore function to 

the affected location [14, 15].  

Scaffold design in tissue engineering is crucial. The scaffold should not only 

enhance cell attachment, proliferation, and differentiation, but should also be 

biocompatible and non-immunogenic while promoting seamless integration when 

implanted with the newly engineered tissue into the host. Since muscle tissue is composed 

of extremely aligned myocytes, scaffolds used in muscle tissue engineering must promote 

alignment of cells [16]. Cell alignment can be achieved either by providing topographical 

guidance, electrical stimulation, or through mechanical guidance [17-19]. Topographical 

guidance includes the concept of scaffold surface patterning by utilizing techniques such 

as electrospinning nanofibers and lithography [20, 21]. Cell alignment through electrical 

stimulation can also be achieved due to the electroactive properties of the muscle cells. 

Hence, application of an electric field can regulate cell positioning and behavior, further 

promoting myotube alignment parallel to the electric field [22, 23]. Lastly, myotube 

alignment thorough mechanical guidance is achieved by cell positioning  along the force 

lines of the scaffold [24]. An engineered skeletal muscle tissue must not only have the 

ability to respond to electrical stimulation, have large intracellular calcium storage, and 

acetylcholine receptors, but must also be able to promote self-regeneration after stress-
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induced injuries similar to the exercising conditions. Although, so much progress has been 

made to achieve all the above characterization, to date no tissue engineering scaffold has 

been developed to promote functional myocytes that meets all of these critical criteria.  

It has been previously shown that electrical stimulation of skeletal muscle has 

significant enhanced formation of myofibers and therefore, improved functional properties 

of the myocytes[25-27]. Furthermore, electrical stimulation can improve secretion of 

vascular endothelial growth factors, enhance elongation expression, and improve insulin 

response by inducing insulin growth factor-1, a myogenic signal molecule, in myocytes 

[28-30]. Interestingly, long-term electrical stimulation of muscle tissue has led to an 

increased presence of ECM proteins such as type I collagen and fibrillin [31]. Another 

study concluded that low voltage electrical stimulation leads to enhanced contractile 

properties of the C2C12 myocytes [32]. 

Similarly, mechanical stimulation of engineered tissue has been shown to improve 

cell development and homeostasis [33]. Thus, such stimulations mimicking in vivo 

physiological conditions can potentially improve scaffold design and lead to engineered 

tissue’s self-repair, maintenance, and regeneration. Previous studies have demonstrated 

that the type of stress also plays a crucial role in myogenic differentiation. For instance, 

mechanical stretch of myocytes has led to cytoskeleton remodeling [34].  However, until 

now, scientists have failed to induce comparable contractile stress on differentiating 

myocytes, as substrates developed for such purposes can only produce less than one percent 

contractile stress [35]. Therefore, better tissue engineering scaffold design can improve and 

promote myogenesis of cells with myogenic potential into fully differentiated, 
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multinucleated, mature, and capable of exerting contractile stress similar to the native 

tissue.  

1.3 Electroactive polymers and Artificial Muscles for Skeletal Muscle Tissue 

Engineering  

Polymers with the ability to change their size or shape upon being stimulated by an 

electrical field, are called electroactive polymers (EAP). Also, due to their ability to move 

repetitively they have been called artificial muscles. Owing to these advantages, EAPs are 

now being studied in various fields such as robotics, optics, mechatronics, biomedical 

engineering, fluidics, acoustics, and automation. Similarly, ionic electroactive polymers 

and electroactive hydrogels take advantage of both free flowing and immobile ions to 

change size or shape upon electrical stimulation. Herein, we focus on development of 

electroactive hydrogels and their mechanism of movement. Depending on the hydrogel 

design, a specific ionic charge, either positive or negative, is fixed to the hydrogel 

backbone. If a negative charge is fixed inside the hydrogel, then samples are swelled in an 

ionic solution such as phosphate buffer saline to swell and attract the cations available in 

the solution. When placed in an active electrical field, cations pull the extremely polar 

water molecule toward the cathode along with themselves. Therefore, the movement of the 

hydrogels are linked to the hydrated cations. When a positive charge is fixed to the hydrogel 

backbone by design, cations in the sample have the ability to move the water molecules 

toward the negative electrode. Therefore,  hydrogels can actuate in either an ionic solution 

or in pure water, allowing them to be active in a variety of solutions, independent of their 

ionic composition [36]. However, ionic electroactive hydrogels have their own 
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shortcomings such as the bending angular motion may not completely mimic the native 

tissue’s contraction, lacks consistent processing and development, and lastly, there have 

been issues identified to upscale the current designs [37].    

Ionic electroactive polymers have been shown to provide a contractile force similar 

to muscle tissue at a range of 0.1-40MPa [37]. Therefore, modification of these hydrogels 

could potentially improve tissue engineering scaffold design. Also, both electroactive 

hydrogel and the skeletal muscle tissue are prompted to move on a similar ionic basis. As 

previously stated, skeletal muscle movement starts with the ionic depolarization of the 

muscle membrane that further leads to the release of calcium ions into the sarcoplasm. 

Similarly, ionic electroactive hydrogels are actuated through the interaction of backbone 

charges and the free-flowing ions. As depicted in Figure 4, through polymerization and 

further modification of electroactive hydrogels, it may be possible to design 3D cell 

scaffold that can provide the necessary mechanical and electrical stimulation and improve 

myocyte differentiation and maturation. 

  

Figure 4 Graphical depiction of electroactive hydrogel used in tissue engineering scaffold design. 
Copolymerization permitting a superior design for skeletal muscle scaffolds, because they have 
the ability to interact with the cells through electrical and mechanical stimuli. Outer layers are 
made of conductive material that would act as the electrodes. And external power source will 
apply the potential difference to not only stimulate cells but at the same time actuate the 
hydrogels, which would in turn mechanical stimulate the cells. A) system at rest with no potential 
difference applied, B) Circuit is complete and there is a potential difference, which leads to ion 
manipulation and actuation of the hydrogels as the result.  

A) B) 
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The central objective of this project is to develop a scaffold that could mimic the 

native tissues movement and electrochemical composition while enhancing myoblast 

adhesion, proliferation, and differentiation into highly functional myocytes. To that end, 

successful completion of this project will advance the skeletal muscle tissue engineering 

field as this novel and active scaffolds are not only capable of electrically and mechanically 

stimulating cells in vitro, but upon in vivo implantation at the injured site, can temporarily 

generate comparable force until the developing tissue fuses to the damaged myocyte 

endings.  

1.4 Project Goal and Specific Aims  

The goal of this project is to develop, optimize, and characterize actuating EAP to 

be used as stimulating and interactive skeletal muscle scaffolds for tissue engineering 

purposes. To achieve this, the following specific aims will be studied:  

Specific Aim 1: To develop, characterize and optimize positively charged 

Poly(Ethylene Glycol) Diacrylate based hydrogels as skeletal muscle tissue 

engineering scaffold. We hypothesize that a positively charged EAP can demonstrate 

enhanced bending motion while improving cellular attachment, proliferation, and 

differentiation thus, acting as a skeletal muscle scaffold. We will examine this hypothesis 

by developing a hydrogel scaffold using Poly(Ethylene Glycol) Diacrylate copolymerized 

with 2-(methacryloyloxy) ethyl trimethylammonium chloride (MAETAC). 

Specific Aim 2: To develop, optimize, and evaluate a biocompatible and highly 

electroconductive self-actuating multilayer hydrogel as skeletal muscle tissue 
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engineering scaffold. We hypothesize that a biocompatible multilayer hydrogel 

constructed with highly electroconductive, positively, and negatively charged layers can 

demonstrate enhanced bending motion and reduced applied voltage. To examine this 

hypothesis, we will develop a multilayer electroactive scaffold with poly(ethylene glycol) 

diacrylate (PEGDA) hydrogel copolymerized with poly(3,4 

ethylenedioxythiophene):polystyrenesulfonate (PEDOT:PSS), 2-(methacryloyloxy) ethyl-

trimethylammonium chloride, and acrylic acid monomer (AA).  
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Chapter 2: Characterization and Optimization of a Positively Charged 

Poly(Ethylene Glycol) Diacrylate Hydrogel as an Actuating Muscle Tissue 

Engineering Scaffold 

(Published Manuscript, July of 2019) 

2.1 Abstract 

 Hydrogels have been used for many applications in tissue engineering and 

regenerative medicine due to their versatile material properties and similarities to the native 

extracellular matrix. Poly(ethylene glycol) diacrylate (PEGDA) is an ionic electroactive 

polymer (EAP), a material that responds to an electric field with a change in size or shape 

while in an ionic solution, that may be used in the development of hydrogels. In this study 

we have investigated a positively charged EAP that can bend without the need of external 

ions. PEGDA was modified with the positively charged molecule 2-(methacryloyloxy) 

ethyl-trimethylammonium chloride (MAETAC) to provide its own positive ions. This 

hydrogel was then characterized and optimized for bending and cellular biocompatibility 

with C2C12 mouse myoblast cells. Studies show that the polymer responds to an electric 

field and supports C1C12 viability. 

2.2 Introduction 

Hydrogels have been used extensively in tissue engineering and regenerative 

medicine due to their structural and compositional similarity to the native extracellular 

matrix [1]. Their material properties are tunable based on their method of design. Some 

can be used as an injectable for tissue repair, be photopolymerized into various shapes, are 

biodegradable, nontoxic, and nonimmunogenic.  

Poly(ethylene glycol) (PEG) also known as poly(ethylene oxide) or 

poly(oxyethylene) has been one of the most widely explored polymers in biomedicine. In 
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addition to the hydrogel properties mentioned above, PEG is a hydrophilic polymer that 

can be modified through grafting and copolymerization to increase its biodegradability [2-

5]. Unfortunately, PEG based hydrogels have a lower cell attachment rate due to the 

formation of a hydrated surface layer that inhibits the adsorption of adhesion specific 

proteins such as fibronectin. In spite of this studies have shown that altering these hydrogels 

with various additional components can enhance cell attachment [6-10]. 

An electroactive polymer (EAP) is a polymer that responds with a change in size 

or shape after being introduced to an electric field. Ionic electroactive polymers are EAPs 

that swell in an ionic solution. Upon electrical stimulation the ions in solution are attracted 

to the oppositely charged electrode and will pull accompanying water molecules with them 

causing one side of the polymer to swell and produce a bending motion. Specifically, when 

a negatively charged EAP is placed into an ionic solution it attracts positive ions (cations) 

that are bound to water (a polar molecule). When an electric field is produced these cations 

move toward the negative electrode, bringing the water with them. This causes one side of 

the polymer to swell and the other side to shrink, producing a bending motion. A majority 

of the investigated EAP are negatively charged and bend by this mechanism, so they can 

only actuate in an ionic solution. Since the movement of water is linked to the presence of 

positive cations in the solution a polymer that is positively charged may be more versatile. 

The presence of cations that are already bound to the polymer should allow it to actuate in 

either an ionic solution or in pure water, allowing it to be active in a variety of solutions, 

including biological solutions. 

To test this theory, we chose to modify poly(ethylene glycol) diacrylate (PEGDA) 

with the positively charged molecule 2-(methacryloyloxy) ethyl-trimethylammonium 
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chloride (MAETAC). This material has been used in other studies with osteoblasts to 

improve cell attachment. It is believed that the cationic charges within MAETAC lead to 

enhanced absorption of the anionic extracellular matrix (EMC) proteins [11]. As stated 

earlier, the positive charge associated with MAETAC could also provide the added benefit 

of inherently containing positive ions within the hydrogel that can be attracted to the 

negative electrode and thus pull the water within the hydrogel to one side causing it to 

swell, allowing it to bend in that direction without the need of ions from the surrounding 

environment. In this study we explore the effects of a positive charge on myoblast 

attachment and determine if the presence of positive charges enhance the actuation 

properties of our self-actuating hydrogel in saline and pure water, for potential use in 

muscle tissue engineering. 

2.3 Methods and Materials 

2.3.1 Hydrogel preparation and swelling 

PEGDA of molecular weights 1000 Da, 4000 Da, 8000 Da, and 10,000 Da were 

purchased from Monomer-Polymer and Dajac Labs (an MPD Chemicals Company). 

MAETAC, 2,2-Dimethoxy-2-phenylacetophenone, and 1-Vinyl-2-pyrrolidinone was 

purchased from Sigma Aldrich. The photo-initiator solution of 300 mg/mL of 2,2-

Dimethoxy-2-phenylacetophenone in 1-Vinyl-2-pyrrolidinone was prepared using a vortex 

mixer. 

The hydrogels were formed by dissolving the PEGDA into DI water using a vortex 

mixer. The MAETAC was then added and vortexed until sufficiently mixed. Various 

formulations were created to obtain a hydrogel with the best blend of actuation and 

biocompatibility. The formulations for each of the samples are listed in Table 1. The photo-
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initiator solution was added just prior to applying UV radiation at a concentration of 100 

μL of photo-initiator solution per 1 mL of hydrogel solution. The hydrogel solution was 

then injected into a rectangular glass mold and crosslinked with UV radiation at a 

wavelength of 365 nm and intensity of 10W for 2 minutes. The hydrogels were then placed 

in phosphate buffered solution (PBS) overnight to achieve equilibrium swelling. For 

actuation testing samples were cut into 20 mm x 5 mm shapes before actuation.  

Table 1: Formulations and geometry of the various hydrogel samples. The name of the hydrogel 
sample emphasizes the change in formulation or geometry of each sample. The values that are 
bold indicate the values that have been changed.  
 

Name 
of 

Hydrog
el 

sample 

Molecular 
weight of 

PEGDA(D
a) 

Amount of 
MAETAC(μ

l) 

Amount 
of 

PEGDA(
g) 

Amount 
of 

Water(ml
) 

Concentratio
n of 

PEGDA(g/m
l) 

Thickne
ss to 

length 
ratios 

1000 1000 60 0.1 1 0.1 0.0275 
4000 4000 60 0.1 1 0.1 0.0275 
8000 8000 60 0.1 1 0.1 0.0275 
10000 10000 60 0.1 1 0.1 0.0275 

              
40 8000 40 0.1 1 0.1 0.0275 
60 8000 60 0.1 1 0.1 0.0275 
80 8000 80 0.1 1 0.1 0.0275 
120 8000 120 0.1 1 0.1 0.0275 
150 8000 150 0.1 1 0.1 0.0275 
160 8000 160 0.1 1 0.1 0.0275 

              
0.1 8000 60 0.1 1 0.1 0.0275 

0.1334 8000 60 0.1 0.75 0.1334 0.0275 
0.2 8000 60 0.1 0.5 0.2 0.0275 

              
0.0275 8000 60 0.1 1 0.1 0.0275 
0.042 8000 60 0.1 1 0.1 0.042 
0.0485 8000 60 0.1 1 0.1 0.0485 

              
HS-1 8000 60 0.1 1 0.1 0.0275 
HS-2 8000 60 0.1 0.75 0.1334 0.0275 
HS-3 8000 40 0.1 1 0.1 0.0275 
HS-4 8000 40 0.1 0.75 0.1334 0.0275 
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   2.3.2 FTIR spectroscopy 

 Fourier Transform Infrared (FTIR) spectroscopy was performed to characterize the 

hydrogels and verify the presence of the methacroyl carbonyl from the MAETAC. The 

samples were lyophilized before being placed in a Thermo Scientific Nicolet iS10 FTIR 

spectrometer and the background (air) readings were subtracted out. 

   2.3.3 Actuation tests 

All hydrogel specimens were cut into 20 mm x 5 mm samples and stored in PBS 

until the time of testing. In Table 1, samples with a thickness to length ratio of 0.0275 had 

a thickness of 0.55 mm, samples with a thickness to length ratio of 0.042 had a thickness 

of 0.84 mm, samples with a thickness to length ratio of 0.0485 had a thickness of 0.97 mm. 

All testing was done in triplicate, n = 3, on a testing device previously used in a similar 

study [6]. Briefly, the sample was placed in the actuation device (Figure 1) which consisted 

of a small petri dish with two small pegs affixed at the center to hold the sample in place. 

Two platinum electrodes were also affixed to the device 3.0 cm apart with the sample 

centered in between them. The electrodes were constructed from four 99.5% pure platinum 

wires of 0.20mm diameter twisted together. The actuation device was filled with PBS. An 

Agilent Dual Output DC Power Supply (E3646A Agilent Technologies, Santa Clara, CA, 

USA) was used to provide 20 V for a maximum of 5 minutes. All actuation tests were 

recorded using the video mode of a digital camera. The video was then analyzed to 

determine angular movement.  
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Figure 1: Schematic of the device used for actuation testing of the hydrogel samples. A) Prior to 
application of 20 Volts. B) Upon electrical stimulation, the hydrogel bends due to the movement 
of ions and accompanying water. 
 

2.3.4 Effect of Solution Ions on Actuation 

Typically, electroactive ionic polymers actuate through the movement of solvent 

ions. The negative charges in the polymer attract the positive cations in the solution. These 

cations are bound to water, moving more water into the polymer and closer to the 

negatively charged electrode. The electroactive ionic polymer in this study is positively 

charged. Theoretically the water would be attracted to the cations in the electroactive ionic 

polymer. The cations in the polymer would move toward the negatively charged electrode, 

moving the water with them. This would allow the hydrogel to move in pure water and an 

ionic solution; the cations may be hindered through their linkages to the polymer backbone, 

which may hinder the degree of polymer actuation.  

In order to evaluate the effect of pure water on hydrogel actuation PEG with molecular 

weights of 1000 and 8000 were crosslinked with various amounts of MAETAC (40, 60, 



 

 

21 

80, and160μl).  These samples were then subjected to the same actuation experiments 

described earlier, except deionized water was used instead of PBS. 

 

  2.3.5 Contractile Strength 

 All hydrogel specimens were again cut into 20 mm x 5 mm samples (with the 

mentioned thickness in Table 1) and tested in triplicate, n = 3. The sample was suspended 

in PBS in a vertical bath between two platinum electrodes. The electrodes consisted of four 

platinum wires twisted together (each wire was 99.5% pure and 0.20mm diameter). Each 

electrode was then bent into a sinusoidal waveform to cover more area. Aluminum foil 

weights of increasing value were placed on the free end of the hydrogel. Again, a DC 

voltage of 20 V from the Agilent Dual Output DC Power Supply was used for a maximum 

of 5 minutes to obtain movement from the hydrogel. If the hydrogel was able to produce 

enough force to lift the aluminum foil weight, the contractile stress was calculated, taking 

into account buoyancy. Using the equation below where σ Contraction is the contractile stress 

produced by the hydrogel, 𝑚! is the mass of hydrogel, 𝑚"# is the mass of the aluminum 

weight, 𝑉! is the volume of hydrogel, 𝑉"# is the volume of aluminum, 𝜌!!$ is the density 

of water, and 𝑔	is the acceleration due to gravity, and AH is the cross sectional area of the 

hydrogel. 

𝜎%&'()*+(,&' =	
((𝑚! +𝑚"#) − (𝑉! + 𝑉"#)𝜌!!$-𝑔

𝐴!
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  2.3.6 Polymer Biocompatibility 

 Hydrogel samples, n = 4, were cut into circles with a 15mm diameter to fit into 24-

well culture plates. The samples were sterilized by rinsing briefly in ethanol and exposing 

to UV light for 30 min on each side. The samples were then washed in sterile PBS and 

soaked overnight in DMEM media containing 10% fetal bovine serum (FBS) and 1% 

penicillin/streptomycin (P/S). Every well was seeded with approximately 60,000 C2C12 

mouse myoblast cells (30,000 cells/cm2), which were purchased from the American type 

culture collection (ATCC). 

 Biocompatibility, metabolic activity and cellular proliferation were assessed at 1, 

3, and 7 days after cell seeding using a PrestoBlue® cell viability assay. At each time point 

the media from all wells were removed and replaced with the PrestoBlue® reagent diluted 

with media at a ratio of 1:10. After an incubation period of one hour, the absorbance was 

read on a Tecan Infinite M200 PRO plate reader at 570 nm. Cell morphology was also 

examined at days 1, 3, and 7 by fixing the cells with a 3.7% paraformaldehyde solution and 

staining the cells with NucBlue® fixed cell ReadyProbes® reagent (Thermo Fisher 

Scientific) for DNA and Fluorescein Phalloidin (Thermo Fisher Scientific) for F-actin. 

2.3.7 Statistics 

 All data was presented in the form of average and standard deviation. The data was 

evaluated with a one-way analysis of variance (ANOVA) with a Tukey’s post-hoc test to 

determine the statistical significance. The significance was set at p < 0.05. 
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2.4 Results 

2.4.1 FTIR spectroscopy 

 The FTIR spectra are shown in Figure 2 for a PEGDA sample and two samples of 

the PEGDA-MAETAC hydrogel containing two amounts of MAETAC (40 μL and 120 μL 

). The copolymerization of the PEGDA and MAETAC produced a new peak at 1725 cm-1. 

This peak represents the methacroyl carbonyl from the MAETAC. The intensity of the 

peak also increased with increasing concentrations of MAETAC. 

 

  

 

Figure 2: FTIR spectra of PEGDA and two concentrations of PEGDA-MAETAC hydrogels. 
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2.4.2 The Effects of Varying the Molecular Weight of PEGDA 

 To determine the optimal formulation of the PEGDA/ MAETAC hydrogel, 

numerous actuation tests were performed with four different of molecular weights of 

PEGDA (1000 Da, 4000 Da, 8000 Da, and 10,000 Da), Table 1. The amount of movement 

produced by the hydrogel when stimulated in PBS is shown in Figure 3. Although there 

appears to be a downward trend with increasing molecular weights of PEGDA, from 52.5° 

for the 1000 Da PEGDA to 24. 27° for the 10,000 Da PEGDA, only the difference between 

the 1000 Da samples and the 10,000 Da samples were statistically significant. 

 
Figure 3: The effects of varying the molecular weight of PEGDA on the amount of bending 
produced by the hydrogel as measured in degrees. The * indicates a statistically significant 
increase over 10,000 MW PEGDA ( P< 0.05). PEGDA 4000 Da, PEGDA 8000 Da, and PEGDA 
10,000 Da actuation results were not significantly different when analyzed using one-way 
ANOVA and a post hoc tukey test. As seen the lower molecular weight of PEGDA actuated to a 
higher degree in comparison with the PEGDA with a higher molecular weight.   
 

2.4.3 The Effects of Varying the Concentrations of MAETAC and PEGDA 

 The amount of MAETAC in the formulation was varied to determine its effect on 

the amount of bending achieved by the hydrogel. Five different amounts of MAETAC were 

* 



 

 

25 

tested 40 μL, 60 μL, 80 μL, 120 μL, and 160 μL, Table 1. As the amount of MAETAC 

increased so did the amount of time needed to crosslink the hydrogel. The time was 

increased in increments of 30 seconds, from 1 minute and 30 seconds for the 40 μL 

hydrogel to 2 minutes and 30 seconds for the 160 μL hydrogel. Unfortunately, as the 

amount of MAETAC was increased, the integrity of the hydrogel began to decrease. Even 

though the 120 μL hydrogels displayed the largest amount of actuation, it was not an ideal 

choice due to difficulty in handling the hydrogel. Along with the reduced integrity, the 

hydrogel that contained 160 μL of MAETAC did not actuate at all during testing, therefore 

it was not included in Figure 4. 

 
Figure 4: The effects of varying the amount of MAETAC on the amount of bending 
produced by the hydrogel in PBS as measured in degrees. There was no statistically 
significant difference between the groups. The integrity of hydrogels began to decrease as 
the amount of the added MAETAC increased.  

 

Various amounts of MAETAC were used in creation of the hydrogels to test their 

angular movements in deionized water. As previously mentioned, the integrity of hydrogels 

decreased as the amount of added MAETAC increased. Therefore, the crosslinking time 



 

 

26 

was increased by 60 seconds from 2 minutes to 3 minutes for the 80 μL and 160 μL 

hydrogel samples. A One-way ANOVA and post hoc Tukey test was used to analyze the 

statistical differences between samples, a p value ≤0.05 was considered statistically 

significant. Differences in degrees of movement between hydrogel samples of 40 μL, 60 

μL, and 80 μL were statistically insignificant. On the contrary, the 160 μL hydrogel sample 

had a p value <0.05 in comparison with every other sample group. Actuation results of 

these hydrogels can be seen in Figure 5. We also compared the actuation results of the 

varying amounts of MAETAC with PEGDA-8000 Da with those of PEGDA-1000 Da and 

the results are shown in Figure 6.  

 
Figure 5: The effects of varying the amount of MAETAC on the amount of bending 
produced by the hydrogel in deionized water with PEGDA-8000, as measured in degrees. A 
One-way ANOVA and post hoc Tukey test showed that differences in degrees of 
movement between hydrogel samples of 40 μL, 60 μL, and 80 μL were statistically 
insignificant (P>0.05). However, the samples wit 160 μL showed a statistical significance 
when compared with other groups (P<0.05).  
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Figure 6: The effects of varying the amount of MAETAC on the amount of 
bending produced by the hydrogel in deionized water with PEGDA-8000 versus 
PEGDA-1000, as measured in degrees. * Represent data related to PEGDA-1000 
Da, and # represents data related to PEGDA-8000 Da. Both # and * groups in 60 
and 40 µl showed a significant difference with a p value <0.05.   

 

The total concentration of the copolymer PEGDA:MAETAC was also varied by 

altering the amount of DI water used during crosslinking. The concentration of PEGDA in 

the formulation was increased from 0.1 g/ml to 0.1334 g/ml and then to 0.2 g/ml. The 

change in concentration did not have a significant effect on the actuation of the hydrogel 

as can be seen in Figure 7.  
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Figure 7: The effects of varying the concentration of PEGDA on the amount of bending 
produced by the hydrogel as measured in degrees. Varying concentration of PEGDA from 
0.1g.mL to 0.2 g/mL did not cause a significant difference in the movement of the 
hydrogels in the electrical field.  

 

 

2.4.4 The Effects of Varying Hydrogel Thickness 

The thickness of the hydrogel was varied to determine if there was an optimal 

thickness to length ratio for actuation. The lengths of all the samples were 20 mm. The 

thickness to length ratios used were 0.0275, 0.042 and 0.0485 as shown in Figure 8. The 

ratio of 0.0275 significantly larger than the other two values. 
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Figure 8: The effects of varying the thickness to length ratios of the hydrogel on the amount of 
bending produced by the hydrogel as measured in degrees (* P< 0.05, compared to the 0.0275 
ratio). This indicates that movement of tested hydrogels increased as their thickness reduced.  
 

 

2.4.5 Contractile Strength 

 Based on the findings of the previous actuation tests, four hydrogel formulations 

were tested for contractile strength. The four formulations contained varying amounts of 

polymer concentrations as shown in Table 1, HS-1 thru HS-4. The values obtained for the 

contractile stresses produced are shown in Table 2 and ranged from 120.21 Pa to 153.72 

Pa. Although the stress produced by sample 1 was the largest, there were no significant 

differences in the stresses produced by all the hydrogel samples.  
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Table 2: Stress produced by each hydrogel (n=3). HS-1 and HS-3 are representing 60µl and 40 µl 
of MAETAC with 0.1 g/ml of PEGDA in DI water. HS-2 and HS-4 are representing samples with 
60µl and 40 µl of MAETAC with 0.1334 g/ml of PEGDA in DI water. Based on these results, 
increasing PEGDA concentration reduces the average produced force, but increasing the amount 
of MAETAC in samples leads to an increase in force production.  

Hydrogel sample Average Stress Produced by Hydrogel (Pa) 
HS-1 153.72±21.41 
HS-2 120.21±14.81 
HS-3 129.05±14.82 
HS-4 127.92±20.35 

 

2.4.6 C2C12 Cytotoxicity Study 

In this study, C2C12 cells were seeded on the same four types of hydrogels used in 

the contractile strength measurements. Cells were also seeded on a PEGDA hydrogel that 

did not contain MAETAC and tissue culture polystyrene (TCP) as a positive control. The 

metabolic activity of the cells is shown for days 1, 3, and 7 in Figure 9. As was expected 

the cells on TCP yielded the highest levels of metabolic activity while the PEGDA had the 

least. There were no significant differences between any of the groups of PEGDA-

MAETAC either comparing the four different samples within each timepoint or comparing 

the same hydrogel sample across the three different timepoints. 

 The cells were stained with NucBlue® fixed cell ReadyProbes® reagent (DAPI) 

for DNA and Fluorescein Phalloidin for F-actin on days 1, 3 and 7 in order to assess cellular 

attachment and morphology, as shown in Figure 10. Cell proliferation was consistent for 

all samples with the exception of the PEGDA hydrogel. As can be seen in Figure 8K & L, 

proliferation was very poor for this sample and the cells were not evenly distributed 

throughout the hydrogel. Intracellular matrix production was also consistent for the 

PEGDA-MAETAC hydrogels, although the only sample that had obvious organized 

myotubular formation was the TCP group. 
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 PFigure 9: Metabolic activity for C2C12 cell measured with PrestoBlue® cell viability assay. (* 
indicates a statistically significant difference compared to all other values with P< 0.05; # 
indicates that these two values are statistically significantly different from all other values except 
each other with P< 0.05). 
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2.5 Discussion 

 There has been very little research in the use of a positively charged hydrogel as an 

ionic electroactive polymer, especially for use in muscle tissue engineering. We believe 

the benefits could be two-fold, enhancing the proliferation and differentiation of cells, 

while also providing a pre-existing source of cations to be used within the hydrogel to 

produce the bending motion.  

Since this hydrogel already contains cations, there is no need to provide an electrolyte 

solution from which the hydrogel can pull cations. Instead, the hydrogel can be used in 

A B 

C D 

E F 

Figure 10: Cells were stained with DAPI for DNA (blue) and 
phalloidin for actin (green) on day 7. A) TCP, B) HS-1, C) HS-2, 
D) HS-3, E) HS-4, F) only PEGDA. The scale bars are all 101 
μm. 
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many more applications, such as in vivo setups, where extremely large amounts of ions are 

not present. One drawback to this method is that since the positive ions are bound to the 

matrix instead of free in solution, this may limit the range and speed of movement of the 

ions as compared to negatively charged hydrogels that pull positive ions in from an 

electrolyte solution [6]. 

In this study we have developed and characterized a cationic hydrogel composed 

of PEGDA and MAETAC for use as a self-actuating tissue engineering scaffold. The 

hydrogel was electrically stimulated in an actuation device and the resulting amounts of 

bending were measured. This actuation device was used to examine multiple formulations, 

polymer densities, and hydrogel geometries and determine their effects on the ability of the 

hydrogel to actuate. Lastly, a seven-day cell study using C2C12 mouse myoblasts was 

implemented to determine the biocompatibility of several formulations of the PEGDA-

MAETAC hydrogel. 

Actuation tests were performed to determine the response of the hydrogels to an 

electric field. The effects of varying the formulation of the PEGDA-MAETAC hydrogel 

were analyzed by varying the molecular weight of PEGDA, the amount of MAETC, the 

PEGDA and MAETAC concentration, and the ratio of thickness to length of the hydrogel.  

Varying the molecular weight of PEGDA did not have a significant change on actuation. 

There was only an average difference of 12° between the molecular weights of the 1000 

Da, 4000 Da and 8000 Da PEGDA. The only values that exhibited a statistically significant 

difference were 1000Da compared 10,000 Da, where there was a difference of 28°. This 

may be caused by the increase in PEG molecular weight leading to an increase in hydrogel 

density decreasing the amount of swelling and making it more difficult for the water to 
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move the hydrogel. Another reason could be that the increase in molecular weight created 

less MAETAC per unit volume of polymer.  The MAETAC crosslinks at the ends of the 

PEGDA molecules, therefore a smaller molecular weight allows more PEGDA molecules 

(and hence more MAETAC) within a specified volume.  Therefore, a hydrogel with the 

smaller molecular weight polymer will have a larger number of bound ions to create a 

greater degree of movement. Varying both the PEGDA and MAETAC concentrations 

produced no statistical difference in degree of actuation. While the samples with 120μL of 

MAETAC seemed to produce the best actuation results (although not statistically 

significant), as the amount of MAETAC was increased, the required crosslinking times 

were much higher, and the integrity of the hydrogel was reduced making the sample quite 

difficult to handle. Thus, the hydrogel samples with lower amounts of MAETAC were used 

in the cell study. The changes in polymer concentration only produced a 6.7° difference in 

the amount of bending, and so the concentrations of 0.1 g/ml and 0.1334 g/ml were used 

for the cell study. Adjusting the ratios between length, width, and thickness of the hydrogel 

did have an effect on the amount of bending achieved. In comparing the thickness to length 

ratios, the sample with the smallest ratio, 0.0275, had the largest amount of movement. 

This is most likely because increasing the thickness causes increased stiffness which 

reduces the hydrogel’s ability to bend. 

In order to measure the contractile stress of the hydrogel, samples were suspended 

in PBS with increasing weights. As with the actuation test, 20 volts was applied, and the 

stress was calculated from the samples that were able to achieve bending. There was no 

significant difference between the four groups measured ranging from 120.21±14.81 Pa to 
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153.72±21.41 Pa. The stress values obtained were lower than those of native muscle tissue 

estimated to be 60 kPa - 380 kPa [12-15].  

During our calculations, the actuation test results revealed a large standard error in 

regards to the hydrogel samples of 40, 60, 80, and 160 Microliters of MAETAC. We 

repeated the mentioned actuation tests numerous times to ensure that the apparent standard 

error is not due to testing error. Thereafter, we concluded that the errors are due to randomly 

distributed cations embedded within hydrogels, which are therefore the leading cause of 

high variability in movement of the hydrogels. 

In regards to our test in deionized water, it was demonstrated that there was no 

statistically significant difference in the angular change of PEGDA-1000 when comparing 

40 μL with 60 μL of MAETAC. There is, however, a statistical difference when comparing 

80 μL samples with either of the other two samples. For our statistical analysis, we used a 

One-way ANOVA with a p value <0.05 followed by the Tukey’s post hoc test. In samples 

with PEGDA-8000, the observable amount of angular movement was reduced. The 

statistical analysis showed significant differences when 160 μL samples were compared to 

40, 60, and 80 Microliter samples of MAETAC respectively. Like PEGDA-1000 samples, 

the PEGDA-8000 samples with 40, 60, and 80 Microliters of MAETAC had a p value of 

>0.05 and are, therefore, statistically insignificant from one another.   

We theorize that the higher angular movement in hydrogel samples of PEGDA-

1000 can be due to the fact there are more attachment sites available for the connection of 

MAETAC molecules. As mentioned previously, MAETAC molecules are the source of 

positive charge in these hydrogels. As theorized, the increased amount of MAETAC 

resulted in an increased amount of angular movement during our tests.  
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We also noted that the angular change of our samples is significantly less when 

using deionized water in comparison to the samples using PBS. This shows that PBS is the 

superior solution to use due to the presence of excessive number of ions. We believe that 

the observable increase in angular movement of samples in PBS are due to ion movement 

from one electrode to the other. However, hydrogel angular movement in deionized water 

solely depends on the cations that are randomly bound to the hydrogels (limiting their 

number and ability to move to the oppositely charged electrode).  

Finally, the biocompatibility of the hydrogels was tested by seeding four 

formulations of the PEGDA-MAETAC hydrogel with C2C12 mouse myoblast cells along 

with TCP and a PEGDA hydrogel. Metabolic activity was measured as an approximation 

of cell proliferation at days 1, 3, and 7. The metabolic activity of the PEGDA-MAETAC 

hydrogels was significantly higher than the PEGDA hydrogel. This confirms that the 

addition of the positive charges found in the MAETAC did have a positive effect on cellular 

attachment and proliferation of mouse myoblasts as was shown with endothelial cells [16], 

neuronal cells [10] and osteoblasts [11]. Unfortunately, the cells did not display any 

alignment. It is possible that this could be induced by the addition of strain as the hydrogels 

are actuated. We will investigate this in future work. 

2.6 Conclusions 

This study has investigated the creation of an actuating, positively charged scaffold 

consisting of a copolymer of PEGDA and MAETAC and its potential in muscle tissue 

engineering.  We have shown that the addition of MAETAC aids in the cellular attachment 

and proliferation of mouse myoblast cells. In addition, the scaffold is able to actuate when 

electrically stimulated without the need of external ions from its environment; although the 
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presence of additional ions in the surrounding environment greatly enhances hydrogel 

actuation. This allows the scaffold to provide both electrical and mechanical stimulation to 

seeded cells and developing tissue. Further research is necessary to fully determine to what 

extent cellular proliferation and differentiation are impacted by both mechanical and 

electrical stimulation. This study is an important next step in the creation of a novel, 

actuating scaffold to be used for muscle tissue engineering.  
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Chapter 3: Self-Actuating Multilayer Scaffold for Skeletal Muscle Tissue Engineering  

3.1 Abstract  

Electroactive polymers (EAP), which can change shape or size in response to an 

electrical stimulation, have been widely used in a variety of biomedical and tissue 

engineering applications including smart drug delivery and artificial muscles. However, 

approaches to design electroactive hydrogels for such purposes are often hindered due to 

polymers’ low conductivity, which in turn requires high electrical input to induce 

movements resulting in a low cell viability. In this study, we aimed to reduce the input 

electrical stimulation while retaining hydrogel movements. To that end, we designed a 

multilayered poly(ethylene glycol) diacrylate (PEGDA) hydrogel modified with a highly 

conductive nanocomposite prepared via colloidal blending of poly(3,4 

ethylenedioxythiophene):polystyrenesulfonate (PEDOT:PSS) and graphene oxide (GO). 

The synthesized multilayered hydrogel was then evaluated for angular movement, 

electrical properties, and biocompatibility with C2C12 myoblast cells. 

3.2 Introduction 

Skeletal muscle tissue has the ability to regenerate the lost tissue upon injury, up to 

a certain threshold. However, in severe injuries with large volumetric deficiencies, often 

greater than 20% for a particular muscle, the natural healing mechanisms fall short and 

require artificial interventions [1]. Muscle injuries and diseases that lead to volumetric 

muscle loss affect roughly 561 million individuals worldwide thus, presenting a significant 

economic and social burden [2]. Tissue engineering is a revolutionary field that has 

demonstrated promising primary steps to treat patients with large volume muscle defects 
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using scaffolds [3]. These scaffolds are designed to mimic the native tissue’s 

microenvironment while promoting cellular proliferation and differentiation.  

Hydrogels have been extensively studied as a potential scaffold for tissue 

engineering applications due to their three-dimensional polymeric network, structural, and 

compositional similarities to the extracellular matrix (ECM) of the native tissues. 

Moreover, hydrogels can be biodegradable, non-immunogenic and can also be designed to 

closely match the properties of the target tissue by tuning their physical and chemical 

properties. Function of the skeletal muscle tissue is highly dependent on the 

electrochemical and mechanical signaling among the neighboring cells, therefore, 

scaffolds intended to promote skeletal muscle regeneration should closely mimic such 

properties of the tissue. It has been widely known that electrical fields can potentially aid 

with healing of various tissues such as bone, cartilage, and skin [4, 5]. Therefore, 

biocompatible, electroactive, and electroconductive materials have the potential to locally 

stimulate the target tissue and induce cell growth.  

Poly(ethylene glycol) (PEG) is one of the most widely studied polymers in the field 

of biomedical and tissue engineering. PEG is a hydrophilic polymer with  low cellular 

attachment, however can be easily modified through grafting and copolymerization to 

enhance cellular attachment, increase its biodegradability, electroconductivity, and 

electroactivity [6]. PEG’s low cell attachment rate can be attributed to the formation of a 

hydrated surface layer that inhibits the adsorption of adhesion specific proteins such as 

fibronectin. To improve the conductivity of the PEG hydrogels, conductive biodegradable 

polymers such as PEDOT:PSS can be incorporated into a PEG matrix. PEDOT:PSS can 

easily disperse in water, maintain its high electroconductive properties in physiological 
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conditions, and has been previously used to enhance bone regeneration as a possible 

treatment option for bone disease or trauma [7-9].  

As stated earlier, EAP have the ability to change size or shape when stimulated with 

an electric field. This phenomenon is due to the movement of ions from one electrode to 

the other along with the movement of accompanying water molecules through the 

hydrogel. This leads to an increased swelling on one side and shrinkage on the opposite 

side of the hydrogel, resulting in a bending motion. Negatively charged EAPs swell in ionic 

solutions and attract positively charged ions. When an electricidal field is induced, these 

positively charged ions move the highly polar water molecules towards the negative 

electrode. Since movement of water molecules is linked to the presence of positive cations, 

therefore, a positively charged EAP may have more versatile applications. Majority of the 

investigated EAP’s only have a single negatively charged layer, which in turn requires a 

strong electric field to induce bending movement. Hence, a multilayer hydrogel with a 

negatively charged layer surrounded by two highly conductive positively charged layers 

could not only increase the systems angular movement when stimulated with lower 

electrical field but could also increase cell attachment and viability [10].  

To that end, we have developed a Self-Actuating Multilayer Scaffold (SAMS), 

using modified poly(ethylene glycol) diacrylate (PEGDA) hydrogels. The positively 

charged layers were copolymerized with 2-(methacryloyloxy) ethyl-trimethylammonium 

chloride (MAETAC), PEDOT:PSS, and graphene oxide (GO). The negatively charged 

layer was developed by copolymerization of PEGDA with acrylic acid monomers (AA). 

The cationic charges within MAETAC has been shown to aid in the absorption of the 

anionic ECM proteins [11]. Positively charged layers within the multilayer EAP system 
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can provide the added benefit of inherently containing positive ions, which can be attracted 

to the negative electrode and thus pull the water within the hydrogel to one side causing it 

to swell, allowing it to bend in that direction. On the other hand, having a negatively 

charged layer would allow for the attraction of free-flowing cations in the solution. These 

free-flowing cations would move the water molecules towards the negative electrode upon 

stimulation with an electric field. Therefore, a multilayer hydrogel system with different 

charges associated to different layers can take advantage of the benefits associated with 

each layer. In this study, we explored the effects of SAMS on myoblast attachment and 

examined the applicability of the multilayer scaffold with either both negative or positive 

layers for potential use in muscle tissue engineering. 

3.3 Experimental Section 

3.3.1 Materials 

All the materials used in this study were purchased from Sigma Aldrich with the 

following exceptions. Poly(ethylene glycol) diacrylate (PEGDA) with molecular weight of 

8000 kDa was purchased from Monomer Polymer & Dajac Labs. Dapi and Fluorescein 

Phalloidin were purchased from Thermo Fisher. PEDOT:PSS was purchased as a 1.1% 

dispersion in water with a neutral pH. 

3.3.2 PEDOT:PSS/GO Nanocomposite Film Fabrication 

Graphene oxide (GO) was prepared using Hummer’s method by mixing H2SO4, 

H3PO4, graphite flakes, and KMnO4 for three days. Mixture was later purified and dried in 

the oven [12]. As PEDOT:PSS tends to aggregate at high temperatures, solution was 

sonicated for one hour prior to use [13]. PEDOT:PSS was mixed with DMSO and EG at 

5% and 6% ( v/v) respectively. GO at 6% (wt/wt) was dispersed in DMF via sonication at 
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room temperature before being added to the PEDOT:PSS mixture. PEDOT:PSS/GO 

mixture was further sonicated until a homogenous dispersion was achieved. The mixture 

was casted onto a nonstick paper and dried in a hot air oven at 75°C for 10 hours followed 

by 1 hour at 150°C in a vacuum chamber to ensure complete solvent evaporation. 

PEDOT:PSS/GO nanocomposites were then peeled off and used for further 

experimentation and hydrogel synthesis.  

3.3.3 Self-Actuating Multilayer Scaffold (SAMS) Fabrication 

SAMS is made of three layers of hydrogel. Inner hydrogel layer was formed by 

dissolving PEGDA and acrylic acid monomer (AA) in phosphate buffer saline (PBS, 

pH=7.4) [14]. The photo‐initiator solution of 300 mg/mL of 2,2-dimethoxy-2-phenyl 

acetophenone in 1‐vinyl‐2‐pyrrolidinone was prepared using a vortex mixer. The photo‐

initiator solution was added just prior to applying ultraviolet (UV) radiation at a 

concentration of 100 μL of photo‐initiator solution per 1 mL of hydrogel solution (10% 

v/v). The hydrogel solution was then injected into a rectangular glass mold and cross‐linked 

with UV radiation at a wavelength of 365 nm and intensity of 10 W for 2 minutes. As 

depicted in Figure 1, hydrogels samples were then placed in a PBS bath to swell and 

achieve equilibrium for 24 hours. The samples were cut into 20 mm x 5 mm samples and 

dried overnight in an oven at 50°C. When samples were fully dried, they were rehydrated 

overnight in 20 ml of 1:8 PEGDA:AA solution. 

The two identical outer layers were formed by dissolving PEGDA into deionized 

(DI) water using a vortex mixer. Based on the previously established protocol, 60 ul of 

MAETAC per 0.1g of PEGDA was then added and vortexed until sufficiently mixed [15]. 

Various amounts of pre-prepared PEDOT:PSS/GO nanocomposite film was added and the 
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solution was left to sonicate until a homogenous mixture was achieved. Photo‐initiator 

solution, with the same concentration as above, was added just prior to applying UV 

radiation. Hydrogel solution was then injected into a glass mold to fully cover the 

PEGDA:AA hydrogel and cross‐linked with UV radiation at a wavelength of 365 nm and 

intensity of 10 W for 2 minutes. Final thickness of the SAMS was 1.27±0.04 mm. The 

glass mold was flipped every 20 seconds to ensure an even coverage of 

PEGDA/MAETAC/PEDOT:PSS/GO hydrogel. Newly prepared SAMS were then placed 

in PBS for one hour and cut again to be 20 mm x 5 mm before actuation. 

All PBS used in this study was prepared by mixing 2.455 g/L sodium phosphate 

dibasic heptahydrate, 8.765 g/L sodium chloride, and 0.138 g/L monosodium phosphate in 

1 liter of deionized water with the final pH of 7.4.  

 
Figure 5 Graphical depiction of SAMS fabrication and photopolymerization of the precursor 
solutions to form hydrogel. Highly conductive PEDOT:PSS/GO nanocomposite are incorporated 
in the outer layers of SAMS. Conductive layer would allow for transfer of charge and to induce 
movement at a low applied voltage. Inner layer of is made of 1:8 PEGDA:AA hydrogel.  
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3.3.4 Conductivity and Electrochemical Impedance Spectroscopy (EIS)  

Nanocomposites films were cut into 1 cm x 1 cm pieces. After application of a DC 

voltage of 3 V (n=4), the current output was recorded. Conductance was later calculated 

using the following equation, where conductance is C, current is I, voltage is V, and cross-

sectional area of the nanocomposite film is represented as A. Power supply used to measure 

conductivity was E3646A dual output DC (Agilent Technologies, Santa Clara, CA).  

𝐶 =
𝐿

1𝑉𝐼 3 ∗ 𝐴
 

Hydrogels were swollen in deionized water overnight at room temperature and the 

water was replaced twice to remove any possible salt residues. Hydrogel samples were 

weighted, and 0.5 grams were used to fill one well of a 12-well plate. Electrodes were 

previously fixed to the sides of the well at the furthest point from one another. 

Measurements were recorded between 0 and 100 Hz with an AC amplitude of ±50 mV.  

3.3.5 Contact Angle  

Contact angle measurements were undertaken to measure the water-film 

interactions. An increase in the contact angle can be representative of an increase in the 

film’s hydrophobicity. To measure the contact angle, the previously fabricated 

nanocomposite films were mounted on a stand. Following the mounting, 50 μL of 

deionized water was added on top of the films and imaged using a digital camera mounted 

on the same plane. Images were processed using Image J software. 

3.3.6 Actuation Testing 

As previously mentioned, all hydrogel samples were cut into 20 mm x 5 mm and 

stored in PBS prior to testing. Testing apparatus, as depicted in Figure 2, was designed to 

create an electrode-hydrogel contact at the center of the hydrogel sample. All tests were 
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performed in PBS with n=4. Electrodes used were 99.5% pure platinum wires with a 

diameter of 0.20‐mm. Electrodes were attached to an Agilent Dual Output DC Power 

Supply (E3646A Agilent Technologies, Santa Clara, CA, USA). The polarity was switched 

every minute for a total of 5 minutes. Sample movements were recorded and analyzed for 

angular movement.  

 

Figure 6 Schematic of the device used for actuation testing of the multilayer conductive PEDOT-PEGDA 
hydrogel samples. A) System at rest with no current. B&C) Hydrogel samples are stimulated and moving due 
to transfer of ions as the polarity changes representing forward and reverse movements. 

3.3.7 C2C12 Cytotoxicity Study 

PEGDA/MAETAC and nanocomposite samples, n=6, were prepared and cut into 

circles with a diameter of 15mm. Samples were then placed in low attachment 24‐well 

culture plates. Each side of the samples was treated with 30 minutes of UV and then washed 

with 70% ethanol. Samples were further washed with sterile PBS and were incubated 

overnight at 37°C in Dulbecco's Modified Eagle Medium (DMEM) with 10% fetal bovine 

serum (FBS), and 1% penicillin/streptomycin (P/S). Wells were then seeded on day 0 with 

C2C12 mouse myoblast cells at a 60,000 cells per well (30,000 cells/cm2). 

To assess sample biocompatibility, PrestoBlue cell viability assay was used to 

measure cells metabolic activity and cellular proliferation on 1 and 3 days after seeding.  
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During these time points, cells were incubated for one hour with DMEM media and 10% 

PrestoBlue. Absorbance was later measured using a Tecan Infinite M200 PRO plate reader 

at 570 nm. On Day 3, cells were fixed using 4% paraformaldehyde solution and stained 

with DAPI and Fluorescein Phalloidin for DNA and F-actin, respectively.  

3.3.8 X-ray Photoelectron Spectroscopy (XPS) 

Thermo Scientific K-Alpha equipped with a monochromated Al Kα x-ray source 

with an energy of 1486.6 eV and total energy resolution of 0.5 eV was used to preform 

XPS measurements. Charge compensation was performed to minimize electrical charge 

buildup during XPS measurements by using a dual beam flood source of low-energy Ar+ 

ions and 1 eV electrons.  Finally, by subtracting Shirley backgrounds and then fitting the 

remaining core level features with Voigt profile components, the XPS spectra was 

analyzed. XPS was used to quantify the atomic ratio of carbon to oxygen (C/O) of GO and 

further evaluate this substance electrical conductivity.  

3.3.9 Statistics Analysis  

The average and standard deviation of the data for each group were calculated. All 

data were evaluated with a one-way ANOVA with a Tukey's post-hoc test and significance 

was set at α = 0.05 (denoted by *). 

3.4 Results and Discussion  

3.4.1 The effect of varying GO concentration in nanocomposite hydrophilicity  

 Due to GO’s high number of hydroxyl and epoxy functional groups, this substance 

was used to increase hydrophilicity of the PEDOT:PSS and further enhance nanocomposite 

attachment to the hydrogel. As shown in Figure 3, contact angle is significantly increased 

from 41.5° to 90° as the concentration of GO was reduced and PEDOT:PSS was increased.  
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3.4.2 Electrical conductivity  

Conductivity of PEDOT:PSS/GO nanocomposite films were measured prior to 

their incorporation within the SAMS system. Conductivity of the PEDOT:PSS/GO 

nanocomposite films were recorded to be 55 S/cm while GO was 0 S/cm (Figure 4). Due 

to the disruption in the sp2 bonding network, GO is a considered to be a great insulator and 

was used in small increments to increase PEDOT:PSS hydrophilicity. Hydroxyl and epoxy 

functional groups attached to the sp3 hybridized carbons in GO accounts for the highly 

hydrophilic nature. XPS survey of the GO samples were performed and by calculating the 

area under the curve, we quantified the atomic ratio of carbon to oxygen (C/O) to be 2.45, 

further reduction beyond C/O of 6 may have increased its conductivity.  

As mentioned, ion transport within native tissue occurs in an altering, bidirectional, 

and at a wide range of frequencies [19]. Therefore, to better measure the conductivity of 

SAMS, we used electrochemical impedance spectroscopy (EIS). EIS measures electron 

transfer from capacitive and resistive effects, which can more closely mimic the ion 

transport within the native tissue. As depicted in Figure 5, an increase in frequency yielded 

similar and low impedance measurements for all samples, which may be attributed to 

capacitive currents within samples. On the other hand, at the lower end of the frequency 

similar to that of the native tissue, spectrum resistive current dominates. Based on our 

measurements, impedance was significantly reduced from 540 to 226, 280, and 249 kOhm 

at 1.5 Hz for SAMS samples containing 0%, 10%, 20%, and 30%, respectively, of 

PEDOT:PSS/GO nanocomposites. Thus, we can conclude that PEDOT:PSS/GO has 

significantly enhanced electroconductivity of SAMS samples. 
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3.4.3 The Effect of Varying the Applied Potential Difference on Angular 

Movement 

In regard to our actuation test under 1 volt, it was demonstrated that the movement 

of the SAMS groups were significantly enhanced with the addition of the conductive layers 

in comparison to the 0% control group. For our statistical analysis, we used a One-way 

ANOVA with a p-value <0.05 followed by the Tukey’s post hoc test. Regarding our tests 

under 5 and 10 volts, although the overall trend seems to show that the addition of the 

conductive layer increased sample movement, but only a few groups showed a statistical 

difference with their corresponding 0% control groups. Similarly, there was no statistical 

difference between the 10%, 20%, and 30% groups demonstrating a p-value of >0.05 

Figures 6-8.  

We noted that increased applied voltage to the SAMS groups resulted in significant 

increase in the hydrogel movement and angular speed. We believe that the observable 

increase in angular movement of samples in PBS, from less than 10 degrees in 1V to more 

than 150 degrees in 10V are due to the increased ion movement from one conductive layer 

to the other. 

3.4.4 C2C12 Cytotoxicity Study 

Biocompatibility of the GO, PEDOT:PSS, and PEDOT:PSS/GO nanocomposite 

films was compared with PEGDA-MAETAC hydrogels incorporating different 

concentrations of  0, 10, 20, and 30% of PEDOT:PSS/GO nanocomposite. As seen in 

Figure 10, cell proliferation and metabolic activity was measured on day 1 and 3. All four 

PEGDA-MAETAC hydrogel samples (0%, 10%, 20%, and 30%) are significantly more 

biocompatible than the nanocomposites films. When comparing the hydrogel samples with 
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one another, 0 and 10% PEDOT:PSS/GO samples are significantly more biocompatible 

than 20 or 30% PEDOT:PSS/GO samples. As can be seen in Figure 11, cell proliferation 

was very low for 20% samples in comparison with 0 and 10% hydrogel samples.  

The metabolic activity of the 30%, 20%, and 10% were lower than the PEGDA-

MAETCA hydrogel. This confirms that the addition of the PEDOT:PSS has a negative 

effect on cellular attachment and proliferation of mouse myoblasts.  

  

Figure 7 Contact angle measured to compare the effects of varying amount of GO in PEDOT/GO nanocomposite films. 
Polycaprolactone (PCL) was used as hydrophobic control. Contact angle is measured in degrees (* indicates a 
statistically difference with P< 0.05, compared to PEDOT:PSS sample). This finding indicates that an increase in the 
amount of GO is correlated with an increased in hydrophilicity of the nanocomposite films. 
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Figure 8 Nanocomposite films conductivity with different concentration of GO is measured (n=4). This finding indicates 
that as concentration of GO decreases conductivity of the nanocomposite films increase. Conductivity is measured in 
S/cm (* indicates a statistically difference with P< 0.05, compared to PEDOT:PSS sample).  

 
Figure 9 Electrochemical impedance spectroscopy (EIS) measurements of the hydrogel samples with varying amount of 
PEDOT/GO nanocomposite concentration.  
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Figure 10 Effects of varying amount of PEDOT/GO nanocomposite embedded within the outer layer of the hydrogel 
samples on angular movement(n=4) with an applied voltage of 1V. Forward and reverse movements are depicted for 
each group. (* indicates a statistically difference with the 0% group, which is PEGDA-MAETAC with no added 
PEDOT:PSS/GO). 

 
Figure 11 Effects of varying amount of PEDTO/GO nanocomposite embedded within the outer layer of the hydrogel 
samples on angular movement(n=4) with an applied voltage of 5V. Forward and reverse movements are depicted for 
each group. * indicates a statistically difference with 0% group. 
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Figure 12 Effects of varying amount of PEDTO/GO nanocomposite embedded within the outer layer of the hydrogel 
samples on angular movement(n=4) with an applied voltage of 10V. Forward and reverse movements are depicted for 
each group. * indicates a statistically difference with 0% group. 

 
Figure 13 X-Ray Photon Spectroscopy of the three nanocomposite samples of GO, PEDOT:PSS, and PEDOT:PSS/GO. 
The first peak represents O(1s), second peak represents C(1s) and the last peak is S(2p), which corresponds to the 
sulfur in PEDOT:PSS. 
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3.4.5 Discussion  

Applications of multilayered actuating hydrogels for skeletal muscle tissue 

engineering scaffolds are very limited. PEGDA-based electroactive hydrogels have been 

previously developed in our laboratory for skeletal muscle tissue engineering purposes [3, 

4]. Herein, we have developed a SAMS, consisting of two highly conductive and positively 

charged PEGDA/MAETAC/PEDOT/GO outer layers and 1:8 PEGDA:AA inner layer 

(Figure 1). We believe that the development SAMS is the first step towards enhancing the 

proliferation and differentiation of myoblasts to myotubes. One drawback of this system is 

the increased scaffold thickness due to the incorporation of several layers. Increased 

thickness of the scaffold can restrict the bending motion. In this study, SAMS was 

electrically stimulated to measure the bending motion of the scaffold. Bending motion 

measurements are used to study the effects of various formulation of the SAMS’s 
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conductive layer. Lastly, a three-day cell study using C2C12 mouse myoblasts was 

implemented to examine the biocompatibility of several formulations of the SAMS’s 

conductive layer.  

Traditionally, the use of actuating hydrogels was limited to in-vitro applications. 

This limitation can be attributed to two major reasons; 1) in order to achieve a considerable 

bending motion, a high electrical field was required leading to reduced cell viability, and 

2) hydrogel swelling brings about a great stress to any attached material, causing failure at 

the interface and detachment. To that end, SAMS was developed to address these 

shortcomings. SAMS’s conductive layers can greatly reduce the distance between two 

poles and exert the needed electrical field at a safer and more tolerable potential difference. 

Also, every layer used in SAMS is a different modification of PEGDA hydrogel, therefore, 

the swelling motion is experienced at the similar rate throughout the scaffold leading to a 

reduction of stress at the interface.  

It has been previously reported that the addition of solvents such as DMSO and EG 

could significantly enhance the electrical conductivity of PEDOT:PSS nanocomposite 

films [16]. Although there has been no definitive reason for such drastic electrical 

conductivity enhancement, some believe that this could be due to screening effects and 

reduction in PSS interactions. DMSO, a polar solvent in nature, could induce a screening 

effect between the charge carriers and the counter ions, which results in reducing the point 

charge interactions between negatively charged PSS and positively charged PEDOT. 

Similarly, EG has been reported to effect and reduce the interaction of PSS with PEDOT. 

Such mechanism could potentially explain the increase in nanocomposite films electrical 

conductivity [17, 18]. statistical difference between the 10%, 20%, and 30% SAMS groups 
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(p-value of >0.05). Therefore, indicating that in future work 10% samples are not only 

more biocompatible but provide sufficient angular movement. The 10% SAMS samples 

could be a candidate to electrically and mechanically stimulate cells. To further improve 

cell attachment and biocompatibility we will investigate the incorporation of cell adhesion 

peptide arginine–glycine–aspartic acid (RGD) in future work.  

During our calculations, the actuation test results revealed a large standard error 

regarding the SAMS samples of 0%, 10%, 20%, and 30%. We repeated the mentioned 

actuation tests numerous times to ensure that the apparent standard error is not due to 

testing error. Thereafter, we concluded that the errors are due to the sample deformation at 

the SAMS/platinum electrode contact site, which results in discontinuous electron flow to 

the conductive layer. 
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3.5 Conclusion  

We have successfully developed a multilayer actuating hydrogel scaffold through 

the use of highly conductive PEDOT:PSS and copolymer of PEGDA and MAETAC. It 

was found that embedding conductive polymers within the outer layer of the multilayer 

construct would not only stabilize but also increase movements, which may provide further 

insights in differentiation and proliferation of myocytes into functional muscle tissue. In 

A B 

Figure 15 Cells were stained with DAPI for DNA (blue) and phalloidin for actin (green) on day 3. A) Untreated control, 
B) 0% PEDOT:PSS/GO nanocomposite, C) 10% PEDOT:PSS/GO nanocomposite, and D) 20% PEDOT:PSS/GO 
nanocomposite. The scale bars are all 100 μm. 

C D 
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addition, this multilayered scaffold actuates to a much higher degree in comparison to our 

previously developed models with a low electrical stimulation, which may translates into 

higher cell viability and greater exerted contractile force. This scaffold is suitable to 

provide both electrical and mechanical stimulation to develop complex tissues including 

skeletal muscle. This study has demonstrated an important next step in development of 

novel and complex soft multilayer actuators for skeletal muscle tissue engineering 

purposes. However, further research is needed to study proliferation and differentiation of 

myotubes under electrical and mechanical stimulation for understanding regenerative 

potential of skeletal muscle tissue. 
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