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CHAPTER 1 

 

INTRODUCTION 

 

1.1 Motivation 

Over the past several decades, animal models have been used to demonstrate efficacy and 

safety of promising therapeutics for a wide spectrum of diseases and disorders. During that time, 

85% of early clinical trials for novel drugs failed despite promising results from preclinical animal 

studies[1–3]. Of those 15% that were deemed effective in phase III trials, only half became 

approved for larger population studies.  In general, it can take more than 10 years to get a new 

drug from the laboratory to earning FDA approval for clinical use. There are many reasons why 

promising drugs fail phase III trials. One of the main reasons is the inability to demonstrate efficacy 

when translated from animal models to human trials. In one particular finding, 54% of 640 phase 

III trials with novel therapeutics failed in clinical development, with more than half of those failing 

to demonstrate efficacy despite in vivo success in preclinical studies[4]. Because of these failures, 

the FDA and European Medicines Agency introduced guidelines for testing very small doses of 

novel drug candidates in humans[4,5]. This method was approved as a way to bypass animal 

models to evaluate therapies in humans without the concern of toxicity caused by normal drug 

doses. These early trials, called “phase 0”, gave insight into how drugs were absorbed and 

distributed in the body. However, roughly one fourth of the new drugs failed to meet the criteria 

for advancing into the next phase. The high failure rates of clinical trials and phase 0 trials reveal 

an urgent need for new in vitro technologies that will better represent the three-dimensional (3D) 

in vivo physiology and microenvironment of human cells and tissues; such platforms hold great 
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promise for high throughput screening, drug discovery, and a better understanding of the 

pathophysiology associated with human diseases.  

An ideal 3D in vitro model of a human tissue or organ would be able to incorporate multiple 

cell types, large enough to accommodate cell growth, scalable, and would provide a means for 

spatiotemporal control over the delivery and removal of compounds during long term culture. 

Additionally, the 3D nature of the platform would better simulate the target physiological 

microenvironment where cells can attach, metabolize, proliferate and, if necessary, differentiate. 

Currently available models may meet some of these needs, but each have their respective strengths 

and limitations, and none meet all of the above criteria. One of the biggest challenges in developing 

3D cultures for extended studies or high throughput screening is the ability to properly support 

tissue-specific cell-to-cell interactions and cell-to-extracellular matrix (ECM) interactions. One 

common system for high throughput screening uses a hanging drop culture approach[6,7]. Such 

experiments are often performed in 96- or 384-well plates and can provide a robust attrition of 

novel therapeutics and dosing. However, due to the complex protocols involved with such 

approaches, they often require significant expertise and are still susceptible to user-induced 

variations in ECM composition. Another common issue is the biomaterial used to embed cells in 

3D culture. Common hydrogels used for in vitro modeling are Matrigel[8], hyaluronic acid[9], 

silk[10], polyethylene glycol (PEG)[11], alginate[12] and collagen[13,14]. These hydrogels have 

provided previously unobtainable advancements in 3D culture and have deepened the 

understanding of the microenvironment that presents key regulatory signals to support 

proliferation, migration and fate decision[8]. However, they can be expensive (Matrigel, 

hyaluronic acid, collagen), can lack tissue-specific presentation of ECM cues for cell 

survival/proliferation (PEG, alginate, silk), may be difficult or impossible to pattern (Matrigel, 
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hyaluronic acid), and can exhibit variation in composition due to batch-to-batch manufacturing 

(Matrigel)[15]. Providing the research community with enabling technologies for large, scalable, 

perfusable cell and tissue culture scaffolds would catalyze new discoveries through improved 

understanding of disease biology and serve as platforms for rapid screening of potential novel 

therapeutics. 

 

1.2 A Custom, DIY Peristaltic Pump to Facilitate Hydrogel Construct Perfusion 

To enable long-term 3D cell culture (on order of months), thick cell-laden hydrogels must be 

perfused with fresh culture media.  Thus, in Chapter 3, I will discuss the development of a novel 

pumping system and demonstrate its use in conjunction with a perfusable hydrogel construct to enable 

in vitro models of human tissues. This platform consists of a compact, 3D-printed housing unit, 

stepper motors, EasyDriver chips, a power supply, and an Arduino board. Each Arduino board 

enables control over up to six motors. While the Arduino and motor driver electronics are located 

outside of the incubator, the motors and associated pump hardware are placed in the incubator, 

resulting in a smaller footprint within the controlled incubator environment as compared to placing 

a commercially available perfusion systems in the incubator.  Furthermore, this unique system 

allows for complete control over motor scheduling and pump rates.  

Commercially available perfusion systems typically consist of a single motor and thus lack 

the flexibility to pump multiple independent fluid conduits at different speeds and time intervals 

simultaneously in an automated, programmable manner[16–18]. Additionally, these systems are 

large, expensive and lack critical features, such as multiple motors for various fluid flow rates and 

scheduling. These limitations make it difficult to develop more complex experiments involving 
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engineered tissues, as such systems fail to meet the unique demands of tissue construct perfusion 

experiments.  

The perfusion system described in Chapter 3 provides an inexpensive pumping platform 

that can be programmed to schedule and run multiple motors at various speeds. This control 

facilitates the ability to increase the complexity of perfusion experiments and enables reliable, long 

term (months) culture experiments. 

 

1.3 Perfusable Hydrogels Enable Spatiotemporal Control of Morphogen Gradients 

Morphogen presentation plays a critical role in biological development[19–21]. These cues 

can be spatially and temporally interpreted to determine cell fate and direct the eventual formation 

of large, complex tissues and organs. Few platforms have been able to produce morphogen 

gradients over extended periods of time and across a large scale (on the order of centimeters) to 

guide differentiation and eventual proliferation and self-organization. The current techniques to 

recapitulate these cues have shown limited efficacy in developing sustained gradients to induce a 

spectrum of differentiation in a large tissue construct. 

In the context of mesenchymal stem cells, one approach to producing spatially-varying 

differentiation employed microspheres loaded with various concentrations of bone morphogen 

protein 2 (BMP2) and insulin-like growth factor 1 (IGF-1)[22]. The researchers were able to create 

gradients of multiple species within a single scaffold. However, because the microparticles were 

crosslinked into the hydrogel and not perfused, the system could not sustain a uniform morphogen 

gradient for extended studies without compromising the integrity of the hydrogel.  

In Chapter 4, I describe a platform employing embedded perfusion channels that provides 

spatial and long-term (months) temporal control of morphogen delivery in a hydrogel that is large 
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enough to accommodate stem cell growth into larger tissue structures. The ability to predict and 

spatiotemporally modulate the presentation of morphogens in a large tissue construct will lay the 

groundwork for more complex patterning of stem cell fate.  

 

1.4 A Novel Biomaterial that Facilitates Neuronal Network Development in 3D 

The lack of efficacy of many therapies tested in clinical trials, to a great extent, is due to a 

lack of accurate in vitro models. Currently, there are several examples of 3D human neural tissue 

models in the literature, each of which aim to create interconnected neural circuits[23–28]. 

However, these culture platforms are generally unable to recapitulate appropriate cell morphology, 

electrophysiological activity, and robust neuronal communication over extended timeframes. 

Additionally, the typical materials used for the ECM are either too compliant (Matrigel, hyaluronic 

acid), lack physical cues that promote neuronal maturation (PEG, silk), or collapse under their own 

weight (Matrigel and hyaluronic acid)[25,29,30]. These scaffolds are generally too soft for 

molding, making them incompatible for incorporating vasculature using top-down fabrication 

approaches and thereby cannot overcome mass transfer limitations that result in hypoxia-mediated 

apoptotic regions in larger structures.  

Therefore, to overcome some of these issues, in Chapter 5 I will discuss a ECM biomaterial 

which consisted of gelatin methacrylate (GelMA) conjugated with a peptide from an extracellular 

epitope of N-cadherin. This material provides physiological stiffness, supports neuron survival 

through the presentation of the peptide and RGD motif, and may be patterned with perfusable 

channels to enable long term cell culture. The ability to sustain neurons in a perfusable hydrogel 

will yield a more physiologically accurate representation of neuronal network formation and serve 

as a platform for screening potential therapeutics.  



6 

 

 

1.5 An Engineered Perfusable Ductus Arteriosus Construct 

In the last several decades, there has been a significant lack of successful clinical trials for 

novel therapeutics for patent ductus arteriosus (PDA) [31,32]. Though animal models have been 

used to screen potential therapies for closing a PDA[33,34], this has led to few pharmacological 

therapies that are effective in closing of PDA in pre-term human infants. Some of the most 

effective current therapies for closing PDA consist of inhibiting cyclooxygenase (COX) 

enzymes[35]. Ibuprofen is a common COX inhibitor used to induce vasoconstriction of the PDA. 

However, COX enzymes are present in organs throughout the body, so off-target effects are a 

significant concern. For example, due to the presence of COX enzymes in the renal system, 

systemic use of ibuprofen can result in a reduction of renal prostaglandins, which disrupts 

vasodilation, reduces renal plasma flow and leads to acute deterioration of renal function. Although 

such treatments have become rather common, they are not ideal given the increased risk of 

pulmonary hypertension, systemic vasoconstriction, and long-term adverse side-effects. There is 

thus a critical need to develop new, more specific therapeutics that can treat a PDA without 

negatively affecting other tissues.  

To address this issue, in Chapter 6 I will discuss the development of a perfusable artificial 

artery containing human ductus arteriosus smooth muscle cells (SMC) to enable rapid screening 

of potential therapeutics. 

 

1.6 Innovation 

Biomedical research using 3D tissue culture to model human tissues currently lacks a 

solution for perfusable, large-scale constructs (cm) that support growth and/or differentiation of 



7 

 

human cells for time scales on the order of weeks to months.  This work described herein is based 

upon newly-developed methods to create perfused, customizable hydrogel scaffolds designed for 

stem cell biology, neurobiology, and vascular biology applications. A low-cost pump perfusion 

system was designed to provide dynamic control over the flow rate and composition of media 

delivered to embedded cells. This system was used to control the spatially and temporally varying 

presentation of morphogens in a 3D scaffold for human stem cell differentiation into a spectrum 

of cell fates, and a computational model was developed to provide a new tool for predicting spatial 

and temporal morphogen gradients. Furthermore, a perfused 3D scaffold modeling the human 

ductus arteriosus was developed and resulted in cell behavior that mimics the native vessel. This 

novel construct may be useful for screening potential therapeutics for patent ductus arteriosus. 

Finally, a bioinstructive material was developed to enable in vitro formation of neuronal networks 

from a suspension of human iPSC-derived neural cells. This biomaterial is the first to support the 

survival of single neural cells in a 3D matrix and the formation of individually distinguishable 

axon projections and synaptic connectivity. This platform provides a new research tool for 

studying cell-to-cell disease propagation for neurological diseases such as Alzheimer’s Disease. 

Overall, these new technologies, materials and techniques may provide more robust studies of stem 

cell differentiation and more effective, long-term 3D cell culture platforms for screening therapies 

and gaining new insights into disease pathophysiology. 

 

1.7 Specific Aims 

The first objective of this dissertation is to develop a customizable pump perfusion system 

to provide sustained spatial and long-term (months) temporal control of morphogen delivery in a 

hydrogel to induce gradients of stem cell differentiation. Using this system, we will develop and 
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validate a computational model of the spatiotemporally varying presentation of morphogens in a 

3D hydrogel. The second objective is to demonstrate the broader utility of the perfused hydrogel 

system by developing in vitro models for 1) a neuronal network using induced pluripotent stem 

cell (iPSC)-derived neuronal cells and 2) the ductus arteriosus, a fetal blood vessel that must close 

after birth for proper blood circulation to occur.  

 

Aim 1: Design, fabricate, and model a platform enabling spatiotemporal control of soluble 

factor delivery to cells in a large hydrogel scaffold. 

Aim 1.A. Develop and characterize a customizable pump perfusion system and bioreactor 

to support controlled morphogen delivery to stem cells in a 3D hydrogel scaffold. An Arduino and 

stepper motor-based pump system was designed, fabricated and calibrated for precisely controlled 

delivery of soluble factors.  

Aim 1.B. Create and validate a computational model for temporally varying delivery of 

soluble factors to cells in a 3D hydrogel scaffold via embedded perfusion channels. The diffusion 

coefficient of a small and large molecule, retinoic acid and dextran, will be measured in a hydrogel 

using Raman spectroscopy and FRAP, respectively. The resulting data will be used to inform and 

validate a model created in COMSOL.  

 

Aim 2: Differentiate mesenchymal stem cells into various lineages using opposing gradients 

of signaling factors  

Aim 2.A.  Create opposing gradients of morphogens to induce a spectrum of differentiation 

in a 3D hydrogel scaffold. The pump perfusion system developed in Aim 1 was used to deliver 
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two different morphogens from two isolated parallel channels to demonstrate the ability to create 

two opposing gradients of mesenchymal stem cell (MSC) differentiation in the hydrogel.   

Aim 2.B. Demonstrate spatial control of differentiation by varying the morphogen 

concentration. To demonstrate spatial control over the differentiation gradient, the concentration 

of TGFβ1 (the primary morphogen driving chondrogenic differentiation) delivered to a hydrogel 

was modulated. This showed that modulating morphogen concentration presented to the cells 

through diffusion altered the differentiation spectrum in the hydrogel.  

 

Aim 3: Apply the pump and perfused hydrogel platform to develop new in vitro models for 

the study of disease and potential therapies.  

Aim 3.A. Develop a biomaterial hydrogel that supports the formation of a 3D neuronal 

network and can serve as a platform for studying neurological diseases. The pump perfusion 

system was used to supply media to iPSCs-derived neurons embedded in a hydrogel modified with 

N-cadherin, a short peptide that promotes synaptic formation and plasticity. The N-cadherin was 

conjugated to gelatin-methacrylate (GelMA) to enhance neuron cell viability and enable the 

formation of an interconnected neuronal network. The creation of a neuronal network out of single 

cell suspension will provide previously unattainable information regarding how neuronal 

pathophysiology propagates between individual cells and enable future drug discovery efforts for 

a wide range of neurological diseases. 

Aim 3.B. Develop a perfused tissue construct to model the human ductus arteriosus. An 

engineered artery was developed using human ductus arteriosus (hDA) SMCs embedded in a 

perfused, cylindrical hydrogel. Functionality that mimics the native vessel was characterized 

(perpendicular cellular alignment, matrix remodeling, and inducible vessel constriction). This new 
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technique will enable rapid screening of potential therapeutics for treating PDA (failure to close 

vessel upon birth) in a human model. 

 

1.8 Outline 

In this dissertation, a new platform for supporting cell survival and directing cell 

fate/phenotype in in vitro models of stem cell differentiation, neuronal network, neurological 

disease, and patent ductus arteriosus are given. Chapter 1 provides the motivation and introductory 

information for this research and outlines the specific aims that are addressed. Chapter 2 provides 

an overview of relevant background information, and describes the biology of organ development, 

current approaches for spatiotemporal control of soluble factors in tissue constructs, current 

methods for forming neuronal networks, and current methods for fabricating perfusable tissue 

constructs. Chapter 3 describes the development of a reliable and flexible pump perfusion system 

for long term cell culture. In Chapter 4, I discuss how opposing gradients of morphogens can 

facilitate the patterning of stem cell fate in a large 3D hydrogel. Chapter 5 describes a new 

biomaterial for sustained 3D neural cell culture for the study of neurological disease pathology. In 

Chapter 6, a novel 3D hDA-laden, perfusable construct is established for the screening of novel 

therapeutics. Finally, a summary of the major results and a discussion of the broader impacts, 

challenges and future directions for this work will conclude this dissertation.  
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CHAPTER 2 

 

BACKGROUND 

 

2.1 Organ Development through Spatiotemporal Control 

The development of complex multicellular organs is regulated through gradients of 

morphogens. This presentation of proteins or small molecules is tightly controlled to enable 

coordination of cellular growth, differentiation, and patterning. One example of the complexity of 

morphogen-guided differentiation is the development of the neural tube[36]. Neural tube 

development begins with the formation of the neural plate. This plate begins to fold to make neural 

grooves. When the grooves come in contact with each other due to folding, they begin to fuse. 

After fusing is complete, the neural tube begins developing into a more complex structure. There 

are four primary signals that are responsible for patterning the neural tube: Sonic hedgehog (SHH), 

bone morphogen protein (BMP), retinoic acid (RA) and fibroblast growth factor (FGF) (Fig. 2.1).  
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Figure 2.1: Illustration of BMP/Wnt and SHH opposing gradients in neural tube development[37]. 

 

During neural tube development, the anteroposterior axis (AP) is formed by opposing 

gradients of RA and FGF. RA is produced by the paraxial mesoderm and is responsible for down-

regulating the FGF signals that are generated by the caudal mesoderm[38–42]. In general, RA and 

FGF act antagonistically in the developing neural tube. In the furthest posterior position, FGF 

signaling is at its highest concentration, maintaining a zone of undifferentiated stem cells at the 

posterior end of the axis. RA is at its highest concentration at the most extreme anterior position 

and promotes differentiation of neural ectoderm and mesoderm. A gradient of FGF signaling is 

established, which is antagonized by an opposing gradient of RA signaling. The dorsoventral axis 
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(DV) is formed by opposing gradients of SHH and BMP. The SHH gradient is produced by the 

notochord and floor plate. It is responsible for differentiating ventrally located neural cells in a 

concentration dependent manner. BMP is produced by the roof plate on the dorsal side. This 

protein is responsible for differentiating dorsally located neural cells into a spectrum of 

differentiation states[43].  

At this point the neural tube has spatially organized domains due to the highly coordinated 

morphogen gradients. These domains can be defined into three separate regions and the spinal 

cord. The first is the prosencephalon region; this is the most anterior aspect of the neural tube and 

is ultimately responsible for the basal ganglia, limbic forebrain, olfactory system, and cerebral 

cortex. The next region is the mesencephalon, which is ultimately responsible for the visual and 

auditory reflex pathways. The most posterior region is the rhombencephalon. This section contains 

the rest of the brain and eventually develops into the pons, trapezoid body and the cerebellum[44].  

All of these structures are developed through highly coordinated spatially and temporally 

varying presentation of specific growth factors and molecules. This controlled presentation can be 

seen in nearly every organ system in the body such as the central nervous system (described here 

to demonstrate the intricate and complex signaling processes), the heart[45], and the lining of the 

gut[46]. It would be quite useful to mimic the spatial and temporal coordination of morphogen 

gradients that is prevalent in vivo with an engineered platform for in vitro tissue culture. Such a 

platform would not only benefit studies in organ development, but could be of use in applications 

related to human disease modelling and regenerative medicine.  
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2.2 Current Methods for Spatiotemporally Controlled Delivery of Soluble Factors 

Advances in tissue engineering and drug discovery research are rapidly advancing our 

understanding of the biological world. Over the past decade, these disciplines have enabled new 

tools that overcome the limitations of current animal models of disease. Traditionally, 2D in vitro 

culture models have been used as platforms for drug screening, toxicity and pathophysiology to 

diseases[47]. This approach, while it has served the research community for generations, is limited 

in its ability to support truly biomimetic behavior due to the lack of a 3D environment. Often, 

animal models are used to address some of these issues[48–50], as they exhibit increased 

complexity and provide a physiological, 3D environment in which to perform studies. 

Technological advances have recently enabled the alteration of the molecular genome of mouse 

germ lines to create humanized animal models for drug screening and efficacy of new therapeutics. 

However, due to remaining differences in physiology, limited utility in high-throughput screening 

efforts, and high cost, the overall rate of successful translation of animal models to clinical trials 

is a staggeringly low 8%[3]. Therefore, new tools are necessary to further advance regenerative 

medicine and facilitate translation from the lab bench to human trials.  

One technology developed to address this problem is the 3D cell culture system, which is 

often based on hydrogel constructs containing organoids (3D multicellular mass) or individually 

suspended cells (single cell type or co-culture) [25,27,51]. 3D cell culture tools have been 

developed to control three key elements: the cells, the ECM (e.g. stiffness, adhesion motifs) and 

the signals provided to the cells in the ECM (e.g. morphogens, growth factors). 

One approach to control many of these factors is the organ-on-a-chip platform[52–55] (Fig. 

2.2). These are microfluidic devices that are developed to recapitulate the 3D microenvironment, 

while enabling control over the presentation of soluble factors such as morphogens. This 
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technology has been able to mimic the in vivo environment and facilitate desired cell function for 

prolonged experiments and has served as a useful platform for tissue and disease modeling for 

drug discovery[56–59]. For example, Jang et al. developed a model system for predicating drug 

efficacy, interactions and drug induced injury. This was achieved by seeding human renal cells in 

a perfusable micropatterned device and was used to drug screen known compounds and to study 

novel compounds to test drug toxicity[60]. Another system used multimaterial 3D printing to 

integrate cardiac cells on soft strain gauges to monitor contractile responses to various 

microenvironments and topographies[61]. These and other versatile platforms have made 

significant contributions to our understanding of cell behavior. However, these systems are 

designed on the sub-millimeter scale and cannot be scaled up in size without the addition of 

perfusion channels to address the limits of diffusion. In many cases, larger models are needed for 

more accurate modeling of the complex, heterogeneous organization of natural tissues.  

 

Figure 2.2: Schematic of microfluidic device intended to recapitulate the in vivo neural tube 

developmental patterning.  
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Another approach to enable delivery of soluble biochemicals is through the use of 

microparticle-based controlled release formulations. Microparticles have been long used in 

research and clinical applications to improve the performance of drug delivery [22,62,63]. 

Typically, these microparticles are made of a biocompatible polymer (e.g. PLGA, Chitosan) that 

are able to carry various concentrations of chemical compounds. Under various conditions (e.g. 

hypoxia, change in pH, ROS, hydrolytic degradation) these carriers release the loaded compounds 

into the microenvironment to induce cellular responses such as multicellular differentiation, 

gene/protein expression and ECM remodeling. One example of these microparticle platforms, 

developed by Poole et al., employed polypropylene sulfide loaded with curcumin that is released 

in the presence of reactive oxygen species (ROS)[64]. Curcumin is a natural molecule that acts to 

inhibit intracellular pro-inflammatory pathways by scavenging ROS. These microparticles have 

hydrophobic and hydrophilic regions that can change morphology in the presence of ROS and 

release curcumin in the local extracellular matrix. This platform was successfully used both in 

vitro and in vivo and has promising therapeutic potential for diabetes-induced ROS production. 

However, while these particles are promising for this application, the release rate of curcumin from 

the microparticles is governed by the ROS production of the local environment and cannot be 

modulated once injected into the tissue. Thus, this approach does not allow for dynamic user 

control over the presentation of therapeutics. A perfusable 3D culture system that can both sustain 

cells and allow for the dynamic delivery and removal of factors in a spatially controlled fashion 

would be beneficial to drug screening or stem cell differentiation research efforts.  
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2.3 Current Methods for Visualizing and Creating Hydrogel Neuronal Networks 

Recent progress in 3D neural models and visualization of neuronal networks has provided 

new insight into understanding 3D network formation and function[30,65–67]. For example, 

Green et al. embedded Schwann cells and neural-like PC12 cells in a polyvinyl alcohol hydrogel 

with various mechanical properties to test which modulus enhanced the development of neuronal 

network[68]. However, this method used neuronal-like cells and not iPSC-derived neurons. 

Additionally, the human brain has billions of neurons interconnected to trillions of synapses. This 

makes it difficult to recapitulate this complex 3D neural cell connectivity in a construct that permits 

visualization of cell growth and disease pathology at the single cell level.  

One attempt to create a platform for neurological studies is to culture cells on or in soft 

hydrogels. In previous work, Kaplan and colleagues were able to utilize a porous silk scaffold that 

has elastic properties similar to that found in brain tissue[29]. iPSCs and Alzheimer’s-presenting 

primary neurons were embedded in the small scale (2mm thick) 3D silk scaffolds and cultured for 

long periods of time (months) (Fig. 2.3). The researchers were able to measure local electric field 

potentials in the scaffold indicating the presence of healthy, functioning neurons. Additionally, 

they visualized real-time growth and organization of the cells, including the formation of thick 

axonal processes. The ability to visualize individual axons is a distinct advantage of this approach 

as compared to experiments employing rat/mouse cortical neurons and 3D neural organoids. 

However, while this platform has its benefits, there are several disadvantages. One disadvantage 

was their inability to pattern channels for perfusion in the silk hydrogel. Thus, it was not possible 

to create larger 3D constructs with these materials, and thus these platforms were limited in their 

potential to mimic the complexity of organization found in the human brain. Additionally, the 

scaffolds must be seeded at a high initial cell density (each cluster had a minimum of 5x106 
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cells/mL) to ensure survival and proliferation. However, peripheral cells obstruct visualization of 

cells embedded deep within the scaffold and grow thick axons that prevent researchers from 

visualizing axon formation and pruning at the single cell level. To overcome these limitations, 

there is a need for a biomimetic material that can present appropriate physical cues (N-cadherin, 

RGD motif) to promote cell integration and survival in single cell neuron suspension, while 

remaining rigid enough to support perfusable channels.  

 

 

Figure 2.3: iPSCs derived neurons embedded in a silk scaffold for 10 months[29]. 

 

 

Another attempt to visualize and gain insight into the complex neuronal networks is 

through the use of mouse models[69,70]. Until recently, researchers had to harvest fresh mouse 
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brain tissue, slice it, and then employ patch clamping to study the electrophysiological responses 

to stimuli in various parts of the brain. The fresh brain slice approach allowed researchers to patch 

on to and stimulate a desired brain region and then place a second patch clamp at a location that is 

believed to be connected to the cells that were first patched. The response at the second location 

can be recorded to study neural communication. This method, however, is quite inefficient, leaving 

researchers to guess whether their patches are actually synaptically connected. To overcome this 

issue, adeno-associated viral (AAV) vectors have been developed to stereotactically deliver small 

depots of virus that can infect a local region of the brain[71]. The virus then intracellularly 

incorporates into the genome of the cell and begins to express a fluorescent protein attached to a 

targeted protein. Once the virus is incorporated into the neuron and expresses the target protein, 

the virus then spreads to dendritically or synaptically connected neurons (anterograde or 

retrograde). This viral propagation continues to label the cells with a fluorescent protein and can 

travel through long distant circuits in the brain (Fig. 2.4).  This technology is currently one of the 

most commonly used systems for mapping neuronal networks in mice. This is a significant 

advance in the ability to map synaptically-connected cells on a large scale and monitor the response 

to external stimuli (e.g. electrophysiological, drugs compounds). While this groundbreaking 

technique has the potential to lead to new neural discoveries, it still has some limitations. One 

problem with the AAV neuronal tracing technique is the amount of time required for the virus to 

spread. Many researchers target regions of the brain that are physically distant from each other, 

and it can take several weeks for the AAV to fully spread from one region to another.  Moreover, 

the AAV has been known to spread to off-target regions of the brain. Another significant issue 

with this approach is that brain slices are required, so that only harvested and sliced brain tissue 

may be used. Thus, while this approach can be useful for large scale neuronal tracing in harvested 
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tissue, long term, non-destructive monitoring of neuron growth, synapse pruning, plasticity and 

disease progression in living tissue is still impossible.  

 

 

Figure 2.4: Example of anterograde transsynaptic spread of neuronal tracing viral construct[71]. 

 

 

2.4 Current Methods for Fabricating Tissue Engineered Small Vessels  

The ductus arteriosus is an arterial blood vessel that connects the pulmonary artery to the 

descending aorta. Upon birth, this vessel permanently closes and shunts blood flow to the lungs. 

Failure to close after birth has lifelong consequences and is one of the most common human 

congenital heart defects[31,34,35]. In order to study the disease pathology of this highly prevalent 

problem, animal models have been genetically engineered to more accurately recapitulate specific 
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characteristics of diseases seen in humans[72–74]. For example, a rodent model was genetically 

engineered to cause patent ductus arteriosus in the animals[75]. This humanized mouse model was 

created by deleting the Jag1 gene, which encodes a Notch ligand that is expressed in smooth 

muscle cells and endothelial cells [76]. Thus, the mice exhibit defects in contractile smooth muscle 

cell differentiation in the vascular wall of the ductus arteriosus, and subsequent remodeling of the 

artery is prevented. While this model has provided new insight into previously unknown 

intracellular molecular pathways, translation of therapies developed using such animal models to 

clinical trials has been relative unsuccessful, and there is thus clearly a need for better models to 

enable high-throughput screening of potential therapeutic candidates.  

 One approach to enable such screening efforts is the use of 3D artificial tissue constructs 

that enable researchers to tune various characteristics of the environment to which embedded cells 

are exposed. This is a growing field that has enabled new, rapid pharmacological studies and 

therapeutic research. For example, a microfluidic cell stretching device was developed to study the 

cyclical stretching of artery smooth muscle cells to simulate pulmonary hypertension[77]. Another 

example is the development of multilayered 3D bioprinting with smooth muscle cells to create 

perfusable in vitro blood vessels. These cell laden channels are composed of key structural and 

physiological features found in native arteries[78].  There are a range of strategies for assembling 

perfusable constructs, each presenting its own unique advantages and challenges in their respective 

biomedical applications.  

A recent study employed a PDMS housing with a collagen gel as a scaffold for embedded 

vascular smooth muscle cells (SMC)[79]. A central lumen was created using a 300µm diameter 

needle and lined with human umbilical vein endothelial cells (HUVECs). This simple yet versatile 

coculture model could be perfused, and the embedded cells demonstrated functional characteristics 
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similar to arteries found in the body. However, blood vessels have a distinct structural organization 

consisting of an inner layer of endothelium, followed by loose connective tissue, smooth muscle 

cells and finally collagen fibers. These structures provide stability/flexibility in the presence of 

pulsatile blood flow and are able to constrict and dilate when necessary[80]. In this recent work, 

the embedded smooth muscle cells had random orientations and remained round after several days 

of culture (Fig. 2.5).  Thus, they did not recapitulate the contractile phenotype seen in healthy 

mature arteries. An in vitro platform that is able to sustain hDA SMCs in a perfusable 3D cell 

system for extended periods of time and instruct the SMCs to align would enable better therapeutic 

screening and could lead to more effective clinical translation.  

 

 

Figure 2.5: 3D coculture tubular structure perfused for 4 days[79]. 
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CHAPTER 3 

 

A CUSTOMIZABLE, LOW-COST PERFUSION SYSTEM FOR SUSTAINING TISSUE 

CONSTRUCTS 

 

Aim 1.A: Develop and characterize a customizable pump perfusion system and bioreactor to 

support controlled morphogen delivery to stem cells in a 3D hydrogel scaffold. An Arduino 

and stepper motor based pump system will be designed, fabricated and calibrated for 

precisely controlled delivery of soluble factors. 

 

Text for Chapter 3 taken from: O’Grady et al. A Customizable, Low-Cost Perfusion System 

for Sustaining Tissue Constructs. SLAS Technology. 2018 

 

3.1 Abstract 

The fabrication of engineered vascularized tissues and organs requiring sustained, 

controlled perfusion has been facilitated by the development of several pumps systems. Currently, 

researchers in the field of tissue engineering require the use of pump systems that are in general 

large, expensive and generically designed. Overall, these pumps often fail to meet the unique 

demands of perfusing clinically useful tissue constructs. Here, we describe a pumping platform 

that overcomes these limitations and enables scalable perfusion of large, three-dimensional 

hydrogels. We demonstrate the ability to perfuse multiple separate channels inside hydrogel slabs 

using a preprogrammed schedule that dictates pumping speed and time. The use of this pump 
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system to perfuse channels in large-scale engineered tissue scaffolds sustained cell viability over 

several weeks.  

 

3.2 Introduction 

To effectively engineer artificial tissue for research or clinical usage, culture platforms 

must mimic the properties of native tissue in order to achieve cellular behavior analogous to the in 

vivo phenotype. Three-dimensional (3D) tissue engineered microenvironments have allowed 

researchers to more accurately model native tissue and study cellular interactions that are not 

typically observed in two-dimensional (2D) culture systems[81,82]. For example, in 3D tissue in 

vivo, almost all cells are surrounded by other cells and reside in a complex extracellular 

environment; because 2D cell cultures are much simpler, they sometimes provide misleading and 

nonpredictive data for in vivo or 3D responses[83]. Platforms that enable perfusion using a scaffold 

that supports user controlled flow are also appealing for 3D studies, as they afford the ability to 

control presentation of soluble factors in either a spatial or temporal dimension, mimicking 

diffusion profiles documented in large tissues and organs[84]. However, the function of these 

perfusion systems is dependent on a reliable pumping mechanism, without which experiments 

involving live cell assays on a chip, shear flow studies and bioreactors with thick tissue cannot be 

maintained for extended culture periods[53,85,86].  

For long-term cell culture within 3D scaffolds, the pumping system must be able to perfuse 

the scaffold in a watertight chamber without interruption, run in an incubator without undergoing 

corrosion, and reliably deliver fluids according to user-defined programs. However, most pump 

perfusion systems fail at least one of these criteria[87–89]. Perfusion systems typically require 

expensive pumps, and few can be utilized in a humidified incubator[16,82]. The commercially 
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available peristaltic pumps used in most studies are generally large in size (20-30 cm) and can 

weigh up to 5 kg[82]. These systems are typically kept outside of the incubator to prevent corrosion 

due to high humidity and heat in the incubator space. At some pumping speeds, a pump sitting 

outside the incubator may result in the fluid being delivered at a temperature cooler than 37°C, as 

well as improper gas balance in gas-permeable tubing. The ability to keep a pump inside the 

incubator would enable appropriate temperature and O2-to-CO2 balance in the fluid delivered to 

a tissue engineered scaffold. Moreover, commercial units using a single motor lack the flexibility 

to pump multiple independent fluid conduits at different speeds and time intervals simultaneously 

in an automated, user-programmed manner[90–92]. This flexibility in programming a perfusion 

system accommodates the changing physiological demands of different cell types within a tissue 

structure as it matures or ages.  

In this work, we have addressed a current gap in tissue engineering platforms through the 

development of a customizable, inexpensive, and light-weight perfusion pump system. Using this 

platform, we show the ability to sustain cell viability by continuously perfusing large hydrogel 

scaffolds embedded with red fluorescent protein-expressing fibroblasts (RFP-expressing 

fibroblasts), run multiple motors at various speeds, and schedule the motors to run at various 

speeds. With the system we have developed, we are able to increase the complexity of perfusion 

experiments that may be designed with a single pump unit. 

 

3.3 Methods and Materials 

Cell culture 

Red fluorescent protein (RFP)-expressing fibroblasts were purchased from Angio–

Proteomie (Boston, MA), and maintained in a humidified 5% CO2-containing atmosphere (37°C). 
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Culture medium consisted of DMEM supplemented with 10% v/v fetal bovine serum (FBS), 50 

U/mL penicillin and 50 µg/mL streptomycin, all procured from Life Technologies (Carlsbad, CA). 

AutoCAD design and 3D printing  

AutoCAD software (Autodesk Inc., San Rafael, CA) was used to make all 3D designs, 

including a housing component for the Arduino board and six EasyDriver chips, and a fluid-pump 

attachment (pumphead, Fig. 3.1A) for each stepper motor (StepperOnline, Nanjing City, China). 

Detailed instructions for assembling this system and code can be found at instructables.com 

(https://www.instructables.com/id/Custom-Peristaltic-Pumps-x6/), and STL files and print 

settings can be found at thingiverse.com (https://www.thingiverse.com/thing:2832314). The 

components were printed using a Dimension SST 768 3D printer (Statasys, Eden Prairie, MN) 

with Acrylonitrile Butadiene Styrene (ABS, Stratasys, Eden Prairie, MN). To form the rollers on 

the pumphead, Teflon tubing was cut to length and placed between a vertical pair of pumphead 

holes and secured with a Philips machine screw and hex nut.  

 

Figure 3.1: (A) AutoCAD sketch of the fluid pumphead attachment for stepper motors. There are 

six posts to allow for the least amount of pressure drop-off between the posts when turning. (B) 

Example of laser cut motor bracket after bending. 

 

https://www.thingiverse.com/thing:2832314
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Arduino programming and speed calibration  

Code for individually controlling the speed, direction, and on/off status of each of the six 

stepper motors was written in the Arduino program version 1.6.5. To determine a relationship 

between the arbitrary speeds in the Arduino code and actual flow rates, we performed a flow 

calibration as follows. Tygon lab tubing (1/16"ID X 1/8"OD) (Cole Palmer, Vernon Hills, IL) was 

cut to various lengths (98-105mm) and placed around a pumphead on a stepper motor. By varying 

the length of tubing placed between the bracket and pumphead, we were able to vary the tension 

on the tubing and thus the occlusion.  This allowed us to control the volume dispensed in each 

pulse, and thus the flow rate for a given motor rotation rate. One side (the inlet) was placed in a 1 

L beaker of water.  The flow rate through the tubing at various motor speeds was measured with a 

Sensirion SLI-1000 flow meter (Staefa ZH, Switzerland). Each motor and tubing pair were run at 

1, 10, 100, 175, 250, and 500 arbitrary units (AU, controlled by Arduino code) and the volume 

delivered was recorded. The relation between motor speed (AU) and flow rate was determined by 

a line of best fit. Ultimately, a tubing length of 102 mm was used due to the 1:1 relationship 

between AU and µL/min. After determining the relationship between motor speed and fluid flow 

rate, an additional experiment was performed to verify the ability to deliver a specified fluid 

volume. In this experiment, 6 motors were run at speeds of 1, 10, 100, 175, 250, and 500 AU for 

10 minutes each, and the total water dispensed for each motor at a given speed was weighed on a 

microbalance and compared to the expected volume.     
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Polydimethylsiloxane (PDMS) molds for perfusion chambers  

PDMS (Sylgard 184, Dow Corning, Midland, MI) was mixed in a 1:10 ratio, poured into 

a small paraffin mold with two 18-gauge needles placed through the sides to serve as large 

channels, and placed in an oven at 60°C for 2 hours. PDMS blocks were then removed from the 

paraffin, and needles were withdrawn and replaced with 1/16” silicon tubing (Cole Palmer, Vernon 

Hills, IL). A square was then cut out of the center of the PDMS block and discarded, leaving a 4-

walled PDMS mold to be filled with a hydrogel. The mold was placed on a thin slab of 

uncrosslinked PDMS and placed in the oven for crosslinking. 

Hydrogel device fabrication 

Gelatin powder (Sigma Aldrich, St. Louis, MO) was dissolved in complete cell media to 

achieve either 5% or 10% w/v concentration and sonicated at 37° for one hour to thoroughly mix. 

Microbial transglutaminase (mTG; MooGloo, Eliot, ME) was dissolved in PBS to achieve 10% 

w/v concentration. All fluids were sterile filtered through a 0.2µm filter (Thermo Fisher, Waltham, 

MA). Trypsinized RFP-fibroblasts were then added to 8 mL of gelatin and 2 mL of mTG and 

thoroughly mixed. The mixture of gelatin and mTG was then poured into the PDMS mold over 

the silicon tubing (1/16”) and incubated at 37°C. After the hydrogel solidified, the silicon tubing 

pieces were withdrawn until the end of the tubing was located just within the edge of the hydrogel. 

The tubing pieces (ports) were then connected to the pump tubing, and the PDMS mold containing 

the hydrogel was placed into a custom-built perfusion chamber. All steps were performed using 

sterile technique. 
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Figure 3.2: The actual fluid flow rate measured by a Senserion flow meter (µL/min) is linearly 

dependent on motor speed (AU) for calibrated motor-tubing pairs. Data represents mean ± standard 

error for 6 individual motors. 

  

Cell viability in hydrogels  

To assess long term cell viability in 3D gelatin hydrogels supported by the perfusion 

platform, cell-laden hydrogels were continuously perfused for 21 days, while control cell-laden 

gels (with identical channels) were not perfused. On the 21st day of culture, the hydrogels were 

perfused with 5% v/v Calcein-AM and Sytox Blue for one hour (Thermo Fisher, Waltham, MA). 

RFP signal from fibroblasts and intracellular Calcein from all cells were imaged on a Zeiss 710 

confocal microscope (Zeiss Microscopy, Munich, Germany). Cell viability was assessed using 

ImageJ (National Institute of Health, Bethesda, MD). No-flow controls were performed, imaged 

48 hours after seeding and stained with Calcein-AM for cell viability.  
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3.4 Results 

Customizable 3D-printed parts and motor brackets 

The six-sided pumphead was able to minimize the pulsatile effect of turning the system to 

pump fluids and reduce backflow into the fluid lines. The tubing collars were able to slide into the 

laser-cut motor brackets and sustain a desired tension on the tubing in order to deliver a consistent 

amount of fluid on all motors.  

Customization and programming of the perfusion system 

Peristaltic pumps are used to deliver fluid by alternating compression and relaxation of a 

tube around a pumphead. As the pumphead rotates, a seal is created between the roller and the 

tubing. This seal passes fluid forward, while a vacuum is created on the back end that draws more 

fluid forward. The ability to control the speed at which fluid is delivered is essential when 

operating pumps for perfusing engineered tissue. We have demonstrated that our Arduino code 

can be used to control six stepper motors, each at individual speeds, and allows for schedules that 

turn on and off motors and adjust speeds at designated times. This setup perfused hydrogels for 

over 21 days without any observed interruption of media delivery.  

Perfusion system set-up and calibration 

We sought to develop a system in which using a USB cable, users can upload code that 

controls the speed at which the motors turn, the amount of torque the individual motors output, the 

ability to increase or decrease volume rates, and the ability to turn individual motors on or off at 

specified times. To find the relationship between arbitrary unit speed values in the code, flow rate, 

and volume dispensed, we connected the inlet tubing to a water source and delivered water through 

a flow sensor. Using the data for 6 motors run at motor speeds ranging from 1 to 500 AU, a linear 

fit was applied to derive a conversion from motor speed to average fluid flow rate (Fig. 3.2). A 
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tubing length of 102 mm was selected for the final design because of the 1:1 relationship between 

AU and flow rate (in µL/min) with this setup.  Beyond a motor speed of 500 AU, the relationship 

between AU and fluid flow rate became non-linear and eventually saturated. Using the linear fit 

for motor speeds from 1 to 500 AU, the resulting minimum and maximum flow rates using 1/16” 

ID tubing were 1 µL/min and 500 µL/min, respectively (Table 3.1). The range of possible flow 

rates can be adjusted to suit the specific needs of different applications by using tubing with a 

larger or smaller inner diameter. When used to perfuse channels in our hydrogels, we chose to use 

1/16” ID tubing because the channels created in our hydrogels had a diameter of 1/16. After 

determining the relationship between motor speed and fluid flow rate, the accuracy of fluid volume 

delivery was verified by weighing water output after running each motor for 10 minutes at a given 

speed. 

 

Table 3.1: Average flow rate for 6 motors for motor speeds ranging from 1 to 500 AU after 

calibration of each motor-tubing pair. 

 

Long-term cell survival and small molecule diffusion in a hydrogel  

RFP-expressing fibroblasts were embedded in 3D hydrogel scaffolds with two parallel 

large channels for perfusion (schematic in Fig. 3.3A). Cell-laden hydrogels were incubated in a 

media bath and perfused continuously by the pump system for 21 days (Fig. 3.3B). Long-term cell 

survival was assessed using confocal imaging of Calcein-AM delivered to RFP-fibroblasts after 
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21 days of incubation (Fig. 3.4). Fig. 3.4A shows RFP-expressing fibroblasts stained with Calcein-

AM located approximately 3 mm deep inside the gel. Cells survived and proliferated within and 

across the surface of the hydrogel over the 21-day period as shown by a z-stack projection at 3 mm 

(Fig. 3.4B, D). Cells were imaged for RFP using a confocal z-stack on days 1, 4, 7, and 21. RFP 

was used to provide a total cell count for cell proliferation over the course of a 21-day period. 

Calcein-AM and Sytox Blue were used to assess cell viability ([Calcein-AM count] / [Calcein-AM 

+ Sytox Blue count]) on days 1 and 21. On Day 1, 91.6% of the embedded cells were living. On 

day 21, 96.5% of the embedded cells were alive in the perfused hydrogel (Fig. 3.4D). Static culture 

of the cell-laden hydrogel resulted in nearly all cells dying (Fig. 3.4C).  

 

 

Figure 3.3: (A) Graphic representation of the hydrogel block in a PDMS mold with two perfusion 

channels. (B) Example of the custom perfusion system consisting of one 50ml conical tube, a 

PDMS mold to pour in the hydrogel, a motor with the pumphead and motor bracket and the 

electronics housing unit. 

 

 

3.5 Discussion  

In the field of tissue engineering, the development of 3D scaffolds that mimic native tissue 

is needed to further our understanding of the structure–function relationships in cellular 
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interactions [93–95]. Although tissue engineering has progressed from 2D to 3D systems in recent 

years [82,96,97], several limitations remain in the available to tissue engineering platforms. These 

limitations include the cost and size of specialized equipment (e.g. commercial peristaltic pumps, 

syringe pumps), compatibility of perfusion systems with incubator use, and have limited 

customizability and flexibility in control over the temporal and spatial presentation of fluids (e.g. 

media and morphogens). To address these limitations, we have developed a customizable, 

inexpensive, and portable pump system.  

 

Figure 3.4: Images of gelatin hydrogel with RFP-expressing fibroblasts (Red) stained with Calcein 

(Green). Calcein staining of RFP-expressing fibroblasts shows cell viability on day 21 for cells 

embedded near the surface of the hydrogel (A) and cells approximately 3mm below the surface of 

the hydrogel (B). RFP-expressing fibroblasts seeded in a nonperfused hydrogel show little Calcein 

staining 48 hours after seeding because nearly all cells die without perfusion (C). Cell viability (% 

living = Calcein count / (Calcein + Sytox Blue), orange bars) and total cell count (RFP, blue line) 

are quantified in (D) and show an increase in the total number of cells as well as an increase in cell 

viability. 

 

Commercially available pumps, such as the Harvard Apparatus Standard 

Infusion/Withdraw PHD ULTRA syringe pump, Thermo Fisher FH100M Multichannel Pump 

System, and the Ismatec IPC Low-Speed Digital Peristaltic Pump have been used successfully in 

tissue engineering applications[57,82,98].  However, there are drawbacks to each of these models. 

The PHD ULTRA syringe pump is a highly accurate system (0.25% of desired rate of delivery) 

with a maximum flow rate of 216 mL/min (140 mL syringe) and minimum flow rate of 1.56 

pL/min (0.5 mL syringe). This pump system can be scheduled to perfuse a specific amount and 
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reverse to pull media through a system and back into the syringe. However, this device is 4.5 kg, 

large, can run 2 syringes at only one rate, and costs several thousand dollars. The FH100M 

multichannel pump system (Cole Palmer, Vernon Hills, IL) is programmable, can support up to 

12 tubes, has a lower pulsation because of the nature of the rollers, has a valveless diaphragm, and 

is reversible with a maximum rate of 760 mL/min and minimum rate of 2 µL/min [98]. However, 

it is expensive ($2000-4000), large, and it can run only one speed for all 12 channels. The Ismatic 

IPC low-speed digital peristaltic pump (Cole Palmer, Vernon Hills, IL) is accurate (~1% of desired 

rate of delivery), can be scheduled, and can support up to 24 tubes. However, it weighs 4.5 kg, has 

large dimensions, can only run all 24 channels at one speed, and is expensive ($5000-7000). 

Recently, alternatives to these large pump systems have become available, such as the MP2 

(Elemental Scientific, Omaha, NE) and nano3 (Elemental Scientific, Omaha, NE) peristaltic pump 

systems. These pumps have the advantage of being more compact size, cheaper in price and just 

as accurate as the models previously mentioned. The MP2 allows for multiple tubing attachments 

to a single pumphead to run at a one, programmable rate and the nano3 pumps consist of three 

independent pumpheads that can be programmed to run at three independent speeds. However, it 

would require six of the MP2 systems or two of the nano3 to match our system in terms of the 

number of individually controlled channels. The comparison of these commercial systems to our 

system is summarized in Suppl. Table 2.  

In contrast, our pump system (composed of a compact, 3D-printed housing unit, stepper 

motors, EasyDriver chips, a power supply, and an Arduino board) weighs 0.42 kg and costs 

approximately $122 per unit. Additional common electrical supplies used in building our pump 

system (e.g. wiring, solder, serial connectors) cost approximately $200, but these stock supplies 

can be used for building at least 4 units. While this system requires more effort to assemble 
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compared to an off-the-shelf pump, the cost savings are significant and a single unit can be 

scheduled to deliver fluid to up to 12 separate hydrogels at 6 speeds (2 hydrogels per motor) or 

deliver fluid to multiple ports in fewer hydrogels. The Arduino board enables control over all six 

motors. While the Arduino and motor driver electronics are located outside of the incubator, the 

motors and associated pump hardware are placed in the incubator, resulting in a smaller footprint 

within the controlled incubator environment as compared to placing a commercial system in the 

incubator. In our lab, a single pump unit consisting of 6 stepper motors placed inside the incubator 

routinely runs without interruption or failure for months (the timeframe of the desired experiment). 

The code used for this system allows the user to run specific sets of motors for a specified period 

of time and then shut off, run motors at several speeds for a set length of time, or run motor/speed 

programs for a specified number of loops. This ability to control the number of motors, the 

schedule at which they run, rate at which they deliver fluid, and the number of cycles enables the 

user to set up complex perfusion experiments that run reliably for extended periods of time (on the 

order of months). This is a useful tool when studying the dynamics of cells requiring highly 

coordinated delivery or removal of specific environmental cues.  

In this Chapter, I have described the construction of the pump system as well as the 

customizable programming that enables perfusion of 3D scaffolds with precise schedules and fluid 

flow rates. Each stepper motor is calibrated to determine the relationship between the program 

input values to flow rates (Table 1) and the corresponding actual volume dispensed (Suppl. Table 

3). Our calibration experiments showed that our system can consistently deliver fluids at a 

minimum rate of ~1 µL/min (±0.0067) to a maximum rate of ~500 µL/min (±0.018) (Suppl. Table 

3). However, the maximum and minimum rates increase and decrease with a change in the size of 

tubing (Suppl. Table 1). This range of flow rates is useful for tissue engineered scaffolds with 
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various cell types that may need high rates of fluid flow, such as human umbilical vein endothelial 

cells (HUVECs)[99], or cell types that do not require high flow but need constant delivery of 

media, such as mesenchymal stem cells (MSCs)[100].  

We demonstrated the utility of the pump system by perfusing 3D gelatin scaffolds 

containing cells. In experiments with RFP-expressing fibroblasts embedded in these hydrogels, 

cell viability within the hydrogel was maintained for 21 days as evidenced by live-cell staining 

(Calcein) and spreading of fibroblasts (Fig. 4.4). The perfusion of large hydrogels and cell viability 

experiments demonstrate that our perfusion system is an effective means of sustaining cell viability 

for extended periods of time.  

Overall, these results demonstrate that our pump system has a high level of customization 

compared to other easily obtained or constructed pumps. It can be used for automated and accurate 

control of fluid delivery to maintain cell viability through continuous perfusion.  
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CHAPTER 4 

 

SPATIOTEMPORAL CONTROL AND MODELING OF MORPHOGEN DELIVERY 

TO INDUCE GRADIENT PATTERNING OF STEM CELL DIFFERENTIATION 

USING FLUIDIC CHANNELS 

 

Aim 1.B: Create and validate a computational model for temporal delivery of soluble factors 

to cells in a 3D hydrogel scaffold via embedded perfusion channels. 

Aim 2: Differentiate mesenchymal stem cells into multiple tissue types in a single hydrogel 

system using opposing gradients of signaling factors controlled by a pump perfusion system 

and spatially tune differentiation based on varying morphogen concentration 

 

Text for Chapter 4 taken from: O’Grady et al. Spatiotemporal Control and Modeling of 

Morphogen Delivery to Induce Gradient Patterning of Stem Cell Differentiation Using Fluidic 

Channels. Biomaterials Science. 2019 

 

4.1 Abstract 

The process of cell differentiation in a developing embryo is influenced by numerous 

factors, including various biological molecules whose presentation varies dramatically over space 

and time. These morphogens regulate cell fate based on concentration profiles, thus creating 

discrete populations of cells and ultimately generating large, complex tissues and organs. Recently, 

several in vitro platforms have attempted to recapitulate the complex presentation of extrinsic 
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signals found in nature. However, it has been a challenge to design versatile platforms that can 

dynamically control morphogen gradients over extended periods of time. To address some of these 

issues, we introduce a platform using channels patterned in hydrogels to deliver multiple 

morphogens to cells in a 3D scaffold, thus creating a spectrum of cell phenotypes based on the 

resultant morphogen gradients. The diffusion coefficient of a common small molecule morphogen, 

retinoic acid (RA), was measured within our hydrogel platform using Raman spectroscopy and its 

diffusion in our platform’s geometry was modeled using finite element analysis. The model of 

spatial gradient formation was validated in a cell-free hydrogel, and temporal control of 

morphogen gradients was then demonstrated using a reporter cell line that expresses green 

fluorescent protein (GFP) in the presence of RA. Finally, the utility of this approach for regulating 

cell phenotype was demonstrated by generating opposing morphogen gradients to create a 

spectrum of mesenchymal stem cell differentiation states.  

 

4.2 Introduction 

Biological development relies upon highly regulated local concentrations of proteins 

and/or small molecules. These so-called morphogens can be interpreted by cells based on 

concentration (spatial dependence), as well as the amount of time cells are exposed to each signal 

(temporal dependence). The integration of these cues determines cell fate and the formation of 

large, complex tissues and organs. One example of morphogen-guided embryonic development is 

the spatial patterning of the spinal cord, prosencephalon, mesencephalon and rhombencephalon 

regions of the developing CNS[44,101]. Each region is controlled by simultaneous differentiation 

based on multiple opposing gradients to produce spatially organized domains. Another example 

can be found in the differentiation of the mesoderm layer into cardiac tissue in response to 
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transforming growth factor β (TGFβ) signaling3, where the cells sub-differentiate into atrial and 

ventricular cardiac cells to form the atrium and ventricles of the heart[102–104]. Moreover, cell 

differentiation is not limited to embryonic development. In the adult intestine, mitotically active, 

undifferentiated stem cells repopulate the epithelial lining of the intestine to renew, repair and 

effectively absorb food while maintaining a barrier against potentially harmful microorganisms. 

In response to opposing gradients of Wnt and bone morphogenic protein (BMP) signaling, 

spatially organized domains of the epithelial layer arise to form the crypts and villi of the intestinal 

wall[105–107].  

Nearly every organ system in the body relies on morphogen signaling for proper 

differentiation and organization. Recreation of these developmental patterning events in human 

stem cells, from both embryonic and adult sources, is highly desirable for applications in disease 

modeling and regenerative medicine. Although patterning events involving temporal dependence 

have been reproduced in static well-plate cultures[108–110], those involving spatial morphogen 

gradients require more intricate engineering solutions[111–114].   

Few platforms have been able to produce morphogen gradients over extended periods of 

time and across a large scale (on the order of centimeters) to guide differentiation and eventual 

proliferation and self-organization[20,110]. A large-scale culture platform is particularly 

necessary for long-term studies, as smaller platforms cannot accommodate continuous cell growth 

in the scaffold. One early approach to producing spatially-varying differentiation employed 

microspheres loaded with various concentrations of BMP2 and insulin-like growth factor 1 (IGF-

1). These microspheres were embedded in alginate hydrogels, where one variety of microsphere 

(poly(lactic-co-glycolic acid)) released a large quantity of growth factor over a short period of 

time, and the other (silk) provided a sustained release over an extended period of time (weeks)[22]. 
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Additionally, the researchers were able to include several different morphogens in each variety of 

microsphere, thereby creating gradients of multiple species within a single scaffold. Many other 

follow-up studies have successfully used this approach to create morphogen gradients with various 

growth factors for tissue regeneration[115–117]. However, due to eventual depletion of the 

morphogens, this approach is unable to sustain a heterogenous morphogen distribution for 

extended periods of time, as the crosslinked hydrogel cannot be reloaded with fresh microspheres 

without compromising the structural integrity of the matrix. In addition, because all parameters 

regarding the release rate of morphogens from the microspheres were preprogrammed prior to the 

experiment, it is difficult to produce more complex gradients (e.g. generate periodic concentration 

waves) after the microspheres have been loaded into the hydrogel. 

Microfluidic systems provide an alternative means of delivering morphogens to cells in a 

scaffold and can be set up to maintain long term concentration profiles. In the past decade, several 

such platforms have been developed to study intracellular pathways involved in stem cell 

differentiation[118]. The use of microfluidics provides researchers with unprecedented control 

over the delivery and removal of soluble compounds to three-dimensional (3D), cell-laden 

scaffolds, and has the potential to create complex gradients of morphogens[119,120]. As a result, 

these systems have enabled physiologically relevant models for high throughput drug screening 

and a better understanding of the pathophysiology associated with several diseases[54,56,58,121]. 

One early approach utilized hydrogels with embedded microfluidic channels, wherein soluble 

factors diffused through the hydrogel to cells seeded on the surface. This configuration was used 

to deliver RA to a flat surface, creating gradients to study the differentiation of embryonic stem 

cells (ESCs) into neurons[120]. A more complex platform, consisting of four microfluidic 

channels adjacent to the top, bottom, left, and right sides of a cell-laden gel, has also been used to 
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create four separate gradients (RA, Sonic hedgehog, BMP, and FGF) to study neural tube 

patterning[101]. Overall, these creative approaches have made significant strides to the field by 

demonstrating the importance of controlled multifaceted morphogen presentation; however, they 

remain small in scale and lack extended temporal control due to the relatively short time frame 

(days) in which cells reach 100% confluence within the scaffold.   

We sought to develop an experimental platform that provides spatial and long-term 

(months) temporal control of morphogen delivery in a hydrogel that is large enough to 

accommodate stem cell differentiation for patterning larger tissue structures. This system provides 

the ability to dynamically deliver and replenish morphogens via fluidic channels to a large cell-

laden hydrogel, visualize cellular responses due to morphogen gradients, and run experiments over 

extended time periods. To validate this approach, we first measured the diffusion coefficient of 

RA with Raman spectroscopy, modeled its diffusion pattern using COMSOL, and verified the 

accuracy of this model by measuring RA concentrations in samples extracted from various 

locations in a hydrogel. Next, we assessed control of RA delivery in space and time using an RA-

sensitive reporter cell line. Finally, using mesenchymal stem cells (MSCs) as a model system, we 

produced a spectrum of differentiation states by delivering two different morphogens from two 

parallel channels, thereby creating two opposing gradients. By changing the concentration of the 

morphogens in the fluidic channels, we demonstrate altered distributions of cell phenotype within 

the gel. Overall, these proof-of-principle studies lay the groundwork for more complex patterning 

applications involving stem cells. 
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4.3 Methods 

Bioreactor system fabrication 

In order to ensure reproducibility of the bioreactor construction, namely channel and port 

locations, a jig was designed using Creo Parametric and 3D printed from ABS (Acrylonitrile 

butadiene styrene, Stratasys F170) (Fig. 4.1). This jig was used to guide the drilling of two 1/4” 

holes on each end of the polystyrene box with 11 mm separation between the holes on each face. 

The drilling was completed using a mill and a plastic cutting drill bit (McMaster-Carr, 27465A84, 

specialized drill bit designed to avoid cracking plastic). The barbed end of female Luer bulkheads 

was cut off, and bulkheads were mounted to each of the four holes in the polystyrene box using 

locking nuts. A 1” piece of square stock was placed in the middle of the polystyrene box in contact 

with the four bulkheads. PDMS (10:1 PDMS:initiator) was then poured into the space between the 

square stock and the polystyrene box. After cross-linking the PDMS “walls” in an oven at 60C for 

2 hours, the square stock was removed and 1.5 mL of PDMS was added to the bottom of the box 

and crosslinked to completely coat the inside of the polystyrene box with PDMS. The PDMS was 

used to act as a frame for the gelatin to adhere and serve as a gasket to prevent leaking. Finally, 

the bulkheads were removed and the resulting PDMS frame and polystyrene box were sterilized 

in bleach for 30 minutes then ethanol for 1 hour. The box and PDMS were then transferred to the 

biohood and were placed in a DI water bath for 1 hour. This was repeated 3 times. The devices 

were then dried on a heated surface (37C). After drying, the PDMS frame was placed back into 

the polystyrene box and new, sterile, female Luer bulkheads (with barbed end intact) were screwed 

into the four embedded locking nuts. The embedded locking nuts ensure that the integrity of the 

ports is maintained for several weeks of perfusion. Additionally, the hydrogel itself sticks to the 

PDMS walls, so the gelatin does not pull away from the ports and the channels do not leak when 
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perfused. Sterile 1/16” silicon tubing (Cole Palmer) was inserted through each pair of bulkheads 

to create a mold for the two parallel channels (9 mm apart) to be formed during hydrogel 

fabrication. For experiments, the PDMS-lined polystyrene box was placed in a larger polystyrene 

box to further protect the hydrogel from contamination. The larger box also contained the two 

media reservoirs (50 mL conical tubes with two holes drilled into the cap for tubing) for 

continuous, nonmixing, recirculation of media. Individual bioreactors were fabricated for each 

experiment; the polystyrene box, PDMS frame, and tubing were not re-used. 

 

Figure 4.1: Bioreactor fabrication and assembly process. First, a 3D-printed jig is used to guide 

drilling of holes for the perfusion ports, which are then fitted with Luer bulkheads and locking 

nuts. One-inch square stock is placed within the outer box in contact with the Luer bulkheads to 

provide a temporary mold for a PDMS layer in which the locking nuts are embedded. The bottom 

of the box is also coated with PDMS to complete the inner frame. After the PDMS frame has 

crosslinked, silicon tubing is inserted to form a mold for two parallel perfusion channels located 9 

mm apart. Finally, a hydrogel solution (with or without cells) is poured into the PDMS frame, the 

hydrogel is crosslinked, and the silicone tubing pieces are removed to leave embedded, parallel 

channels within the hydrogel. The overall hydrogel dimensions are 25 x 25 x 25 mm. 
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Cell culture and transfection 

RFP-expressing fibroblasts and human bone marrow-derived MSCs were purchased from 

Angio-Proteomie (Boston, MA) and Lonza (Allendale, NJ), respectively. The cells were 

maintained in a humidified 5% CO2 environment at 37°C. MSC maintenance media consisted of 

DMEM supplemented with 20% v/v fetal bovine serum (FBS), 50 U/mL penicillin, and 50 μg/mL 

streptomycin, all procured from Life Technologies (Carlsbad, CA). Red fluorescent protein (RFP)-

expressing fibroblasts were transfected with the pGreenFire1-RARE Lentivector virus[122–125] 

(System Bioscience, Palo Alto, CA). RARE-RFP-fibroblasts were seeded at 1 million cells/ml in 

a 6-well plate, where a multiplicity of infection of 5 was used to infect the cells. After 48 hours, 

cells were treated with 10 nM of RA (20 mg/ml RA in DMSO stock solution) and imaged for 

compromised green fluorescent protein (GFP; 2-hour half-life) expression to verify successful 

transduction.   

Hydrogel scaffold fabrication for perfusion  

Hydrogels were formed inside the PDMS frame as described previously, with the 

modification of using two isolated embedded prefusion channels[126]. Briefly, gelatin powder 

(Sigma Aldrich, St. Louis, MO) was dissolved in MSC maintenance media at a final concentration 

of 10% w/v. After 1 h of sonication at 37°C, the gelatin solution was sterile-filtered (0.2 μm, 

Thermo Fisher, Waltham, MA) and maintained at 37°C in a water bath. A 20% w/v solution of 

microbial transglutaminase (mTG, MooGloo, Eliot, ME) in PBS was prepared separately and 

sterile-filtered. The sterile mTG and gelatin solutions were then added to a conical tube containing 
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a pellet of trypsinized RARE-RFP-fibroblasts (3 million cells/mL) or MSCs (3 million cells/mL) 

in a 1:9 mTG to gel ratio for a total volume of 20 mL. The cells were resuspended by manual 

pipetting, and the solution was immediately poured over the silicone tubing in the PDMS frame. 

The bioreactor was incubated at 37°C for 30 minutes to crosslink the hydrogel. The silicone tubing 

pieces were then withdrawn from the hydrogel, leaving two parallel channels aligned with the Luer 

bulkheads (Fig. 4.2A). Autoclaved Tygon (E-3603) lab tubing (1/16 in. ID × 1/8 in. OD) (Cole 

Palmer, Vernon Hills, IL) was then washed 3 times with DI water and connected to the Luer 

bulkheads, and the bioreactor was perfused using a peristaltic pump perfusion system (Fig. 

4.2B)[126]. 

 

 

Figure 4.2: A closed-circuit microfluidic hydrogel platform allows for dual delivery of osteogenic 

and chondrogenic media. (A) An illustration of the cross-section between the two parallel 

channels. The area was divided into three regions, each with a width of 3mm (regions A-C), for 

the Western blot study and divided into five regions, each with a width of 1.8mm (regions 1-5), 
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for the immunofluorescence study. (B) An illustration of the perfusion setup shows how the media 

is drawn from a conical tube reservoir, around a pumphead, through the gel, and back into the 

reservoir.  

 

Measuring the diffusion coefficients of small and large compounds 

For measurement of the diffusion coefficient of RA (Sigma Aldrich, St. Louis, MO) in a 

gelatin hydrogel, 64x27x1.2mm glass slides were used as a mold. First, 5 glass slides were glued 

and stacked on top of each other and allowed to cure at 60C. The stack of slides was then placed 

in the center of a 100mm petri dish, where PDMS was poured over the glass slides and filled until 

the slides were thoroughly covered. This was allowed to crosslink for 1 hour at 60C, after which 

the crosslinked PDMS was cut out of petri dish. The glass slides were removed to create a well for 

the gel. On one of the short ends of the PDMS mold, two holes were created using a 1mm biopsy 

punch, and silicon tubing was placed to serve as ports for recirculating RA in DI water at a final 

concentration of 2μM. The same stack of glass slides was then placed vertically into the PDMS 

chamber against the face where the biopsy punches were made. A 1:9 solution of mTG to gelatin 

was mixed in DI water and poured into the mold. After 30 minutes of crosslinking at 37C, the glass 

slides were removed, leaving space for an RA reservoir on one end of the hydrogel. 

For the RA diffusion experiment, the PDMS mold containing a crosslinked hydrogel was 

placed on the confocal Raman microscope stage (inVia Renishaw) and the laser was focused below 

the surface of the hydrogel at a location 0.2cm from the gel/reservoir interface. An external 

reservoir of 2μM RA in DI water was connected to the reservoir in the PDMS frame via a custom-

built peristaltic pump described previously[58]. The internal reservoir was filled with 2μM RA and 

Raman spectra acquisition began immediately (Fig. 4.3A). The peristaltic pump recirculated RA 

from the large external reservoir, and Raman spectra were recorded every 30 minutes for 5 hours 

(532nm laser, 50% power, 5X magnification, 5 second acquisition time, grating 2400 l/mm). The 
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peak Raman intensity between 1590-1595cm-1, corresponding to the RA C=C bond stretching 

Raman signal in our hydrogel, was plotted as a function of time after background subtraction (Fig. 

4.3B). The data from 5 independent experiments were combined and analyzed with a modified 

equation developed for the diffusion of semi-infinite media by Crank[127,128]. At time equal to 

0, the RA concentration throughout the gel is 0 and the gel/reservoir interface concentration of RA 

was maintained at C0. As RA molecules diffuse into the gel, the concentration dependence on the 

distance in the gel from the gel/reservoir interface, defined as x = 0, is given by the equation below: 

 

where C is the concentration at distance x from the interface at an elapsed time t, and Dt is the 

mutual-diffusion coefficient. An additional constant term, B, was added to account for a small 

offset in the y-intercept, due to imperfect background subtraction. The data were fit using a 

nonlinear least-squares solver (lsqcurvefit function) in Matlab (Mathworks, Natick, MA). 

Diffusion of a larger compound, fluorescently-labeled 10 kDa dextran (Thermo Fisher, 

Waltham, MA) was measured in a hydrogel with two perfusion channels fabricated as described 

in Fig. 4.1 without inclusion of cells. Syringe pumps were used to perfuse the left channel with 1 

mM Texas red 10 kDa dextran and the right channel with 1 mM FITC 10 kDa dextran at 300 

μl/minute (Fig. 4.4A). The fluorescence intensity of the Texas red dextran was measured 0.2 cm 

from the left channel every minute for 60 minutes using a confocal microscope (Zeiss LSM 710). 

To determine a diffusion coefficient, the resulting data were then fit using the above diffusion 

equation. Additionally, the entire length between the red and green channels was imaged after 60 

minutes to map out the extent to which each variety of dextran diffused. 

𝐶 = 𝐶𝑜erfc {
𝑥

2√(𝐷𝑡𝑡)
} + 𝐵, 
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COMSOL model of diffusion and experimental validation  

Diffusion of RA was modeled using the Transport of Diluted Species physics interface of 

the Chemical Reaction Engineering module included in the COMSOL Multiphysics 5.3 modeling 

suite (COMSOL AB, Stockholm, Sweden) with the experimentally-measured diffusion coefficient 

as an input. A model of diffusion in the hydrogel was generated using 8 mM RA in a channel, and 

the simulation was run to a 24-hour timepoint. At the 24-hour mark, the RA concentrations in the 

gel at 1 mm, 2 mm, and 3 mm from gel/reservoir interface were obtained. In order to 

experimentally verify the simulation, a gel was cast in the same geometry (using PBS instead of 

complete media for simplicity). The reservoir was then filled with recirculating 8 mM RA. After 

24 hours, the gel was cross-sectionally cut into 10 equal sections. A 0.5 mm biopsy punch was 

used to punch out gel at distances of 1 mm, 2 mm, and 3 mm from the gel/reservoir interface. The 

punches were then placed into a sterile 0.45 μm pore centrifuge tube filter (Spin-X Centrifuge 

Tube Filters, Corning, New York, NY) and spun at 10,000xG to extract the liquid, and the RA 

concentration in the liquid phase was determined using a microplate reader (Synergy H1 Multi-

mode Microplate Reader, BioTek) to measure absorbance at 350 nm. 

The diffusion of 10 kDa dextran from two parallel channels in a hydrogel was modeled 

using the same COMSOL settings described for RA with the experimentally-measured diffusion 

coefficient as an input, and the simulation was run for 60 minutes. At the 60-minute mark, the 

dextran concentrations in the gel at 1 mm, 2 mm and 4 mm distances from the right channel (10 

kDa FITC dextran) were obtained. In order to experimentally verify the simulation, a parallel 

perfusion channel hydrogel was cast (using PBS instead of complete media for simplicity). Each 

parallel channel was then connected to a syringe containing either 1mM of 10 kDa Texas red 
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dextran or 10 kDa FITC dextran. The hydrogel was then perfused at a rate of 300 μl/minute for 60 

minutes. A 0.5 mm biopsy punch was used to punch out gel at distances of 1 mm, 2 mm, and 4mm 

from the right channel (FITC dextran side). The punches were then placed into a sterile 0.45 μm 

pore centrifuge tube filter (Spin-X Centrifuge Tube Filters, Corning, New York, NY) and spun at 

10,000xG to extract the liquid, and the dextran concentrations in the liquid phase were determined 

using a microplate reader (Synergy H1 Multi-mode Microplate Reader, BioTek) to measure 

fluorescence using the FITC filter and the Texas red filter.  

 Validation of temporal control of morphogen delivery 

Temporal control of a morphogen gradient was validated using the RARE-RFP-fibroblasts. 

These RA reporter cells were embedded in hydrogels in the dual port perfusion bioreactor for real-

time visualization of the cellular response to the diffusion of RA. First, the left port of the gel was 

perfused with media containing 2 µM RA, while the right port was perfused with standard growth 

media. The hydrogel was perfused for 1 hour to allow for RA diffusion before the perfusion 

reservoir was changed to standard growth media. The RA-responsive GFP expression and the 

constitutively active RFP expression in the RARE-RFP-fibroblasts were then visualized using 

confocal microscopy. After 24 hours of perfusion with standard growth media in both channels, 

the right port was perfused with 2 µM RA in media while the left port received standard growth 

media. GFP and RFP expression were visualized again after 1 hour of RA diffusion from the right 

channel. Then, both channels were perfused with 2 µM RA after another 24-hour period of 

standard media perfusion and confocal microscopy was performed a third time after 1 hour of RA 

diffusion from both channels. Finally, after 24 hours of perfusion with standard growth media, 

GFP and RFP were visualized to confirm no GFP was being expressed. Survival of cells located 

in the entire region between the perfusion channels was verified by perfusing an RFP-fibroblast-
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laden hydrogel with standard media for 14 days, then staining the cells with Calcein 

(ThermoFisher) and Sytox blue (ThermoFisher) to identify live and dead cells, respectively. The 

Calcein-AM and Sytox Blue images were analyzed in ImageJ to assess cell viability ([Calcein-

AM count] / [Calcein-AM + Sytox Blue count]) on day 14. 

Formation of gradients of MSC differentiation 

To demonstrate heterogeneous morphogen presentation, one of the two fluidic channels 

were perfused with osteogenic media and the other was perfused with chondrogenic media. 

Osteogenic media consisted of high-glucose DMEM, 10 ng/ml BMP-2, 0.1 μM dexamethasone 

(Sigma Aldrich), 10 mM β-glycerol phosphate (Sigma Aldrich), 0.2 mM ascorbic acid (Sigma 

Aldrich), 20% FBS (ThermoFisher), and 1% Pen/Strep[129] (ThermoFisher)[62]. Chondrogenic 

media consisted of high-glucose DMEM with sodium pyruvate (Sigma Aldrich), 10% ITS Premix 

(ThermoFisher), 0.1 μM dexamethasone, 1 µM ascorbic acid, 4% Proline (Sigma Aldrich), 20 

ng/ml or 10 ng/ml TGFβ-1 (Peprotech, Rocky Hill, NJ), 20% FBS, and 1% Pen/Strep[130]. After 

the cell laden hydrogels were crosslinked, the perfusion began immediately at a rate of 300 

μl/minute. The osteogenic and chondrogenic media in the conical tube reservoirs were replaced 

with fresh differentiation media every 7 days, and the hydrogels were perfused continuously for 

35 days.  

On day 35, hydrogels were divided into two pieces by slicing the gel in the center, 

perpendicular to the two perfusion channels, so that each piece contained both osteogenic and 

chondrogenic regions. One half of the hydrogel was further subdivided into 5 sections using a 

razor to make cuts in the same direction as the initial cut (perpendicular to the channels). The intact 

half of the hydrogel was removed from the PDMS frame and immediately placed in a bath of 4% 

paraformaldehyde on a rocker for fixation prior to immunofluorescence staining. The 5 thin 
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sections of the other half of the hydrogel were removed from the PDMS frame and a 3 mm biopsy 

punch was used to collect three samples from each section. The samples were located 1) adjacent 

to the osteogenic channel, 2) at the midpoint between the two channels, and 3) adjacent to the 

chondrogenic channel. This resulted in 5 samples for each of the 3 locations, and the samples from 

a single hydrogel were combined for use in a Western blot (i.e. 5 biopsy samples collected for each 

location from 10 hydrogels resulted in n=10).   

Predefined sections of the hydrogel designated for Western blot were cut and dissolved in 

Collagenase Type IV (2% W/V) for 1 hour. The resulting dissolved gel-cell mixture was 

centrifuged at 400*g to pellet the cells. The pellet was washed 3 times with DPBS (without 

magnesium or calcium) with centrifugation. The pellet was then resuspended in RIPA buffer 

(Sigma Aldrich) with 1:100 v/v protease and phosphatase inhibitors (Sigma Aldrich) for 5-10 

minutes on ice followed by centrifugation at 12,000*g for 15 minutes at 4C. The supernatant was 

then removed and frozen at -20C for future use. 

Protein concentrations were determined using the Pierce BCA Protein Assay Kit 

(ThermoFisher Scientific). 10 μg of protein were pipetted from each protein sample, and the 

appropriate amount of RIPA buffer, Laemmli buffer (BioRAD), and betamercapto ethanol (Sigma 

Aldrich) were added to yield a total volume of 25 μl. These samples were boiled at 95C for 5 

minutes, and then cooled on ice. 4-20% Criterion TGX Precast Midi Protein Gels (BioRAD) were 

pre-run at 70V for 20 minutes in running buffer (product info) during this boiling and cooling 

period. Boiled protein samples and appropriate loading ladder were added to the gel and was then 

run at 80V until the protein samples had run down the majority of the gels. Gels were then 

transferred to nitrocellulose membranes on an iBlot 2 dry blotting system (ThermoFisher 

Scientific) according to the manufacturer’s protocol.  
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The membrane was blocked with TBS-based Odyssey blocking buffer (Li-COR 

Biosciences) for 30 minutes at room temperature on a shaker plate. Primary antibodies were 

dissolved in the Odyssey blocking buffer with 0.05% Tween 20 (Sigma Aldrich) at the following 

concentrations: RUNX2 (1:1000, Abcam ab23981), SOX9 (1:1000, Cell Signaling Technology, 

82630S), and GAPDH (1:5000, Cell Signaling Technology, 14C10).  Primary antibody incubation 

was performed at 4C overnight on a shaker plate. Membranes were then washed with TBS (product 

info) containing 0.05% Tween 20 (3 washes for 5 minutes each on a shaker plate). Appropriate Li-

COR 800CW secondary antibodies were diluted in TBST at 1:15,000, and then incubated on the 

membranes for 2 hours at room temperature on a shaker plate. Membranes were again washed 

with TBST (3 washes for 5 minutes each on a shaker plate) before being imaged on a Li-COR 

Odyssey scanner, and imaging processing was performed in the manufacturer’s software. 

After 7 minutes in the paraformaldehyde bath, the half of each hydrogel designated for 

immunofluorescence was further subdivided into 5 equal sections and washed 3 times with PBS. 

The slices were then placed in a 5% normal goat serum for blocking and membrane 

permeabilization. After 1 hour of blocking, 10μl of Runx2 conjugated Alexa fluor 647, Sox9 

conjugated Alexa fluor 488, Rhodamine Phalloidin (actin), and Hoechst 33342 (nuclear stain) were 

added to the blocking solution and allowed to bind overnight where they were then visualized with 

confocal microscopy (Zeiss LSM 710). Separate slices were immunostained with 10μl of 

Osteocalcin conjugated Alexa fluor 680, Collagen II conjugated Alexa fluor 488, Rhodamine 

Phalloidin (actin), and Hoechst 33342 (nuclear stain) and allowed to bind overnight where they 

were then visualized with confocal microscopy. Confocal z-stacks were acquired for the 9-mm 

area located between the two perfusion channels in each hydrogel section. The two nuclear markers 

(Runx2 and Sox9) were used for quantification of cell differentiation fate. Five 1.8-mm regions 
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were defined in 2D projection images of the z-stacks for quantification of differentiation status as 

a function of location relative to each channel. The images were thresholded using ImageJ 

software, and the number of positive cells (Runx2 and Sox9) were counted and normalized to the 

total cell number (Hoechst) in each region. The actin marker provided visualization of cell 

morphology. 

 

4.4 Results and Discussion 

The process of stem cell differentiation is challenging to model in vitro on a biologically 

relevant scale with currently available technology. Therefore, we developed a platform in which 

large, 3D tissue constructs (on the order of centimeters) could be provided with time-varying 

morphogen gradients over long periods of time (on the order of weeks to months). 

Modeling small and large molecule diffusion gradients 

After fabricating the bioreactor and hydrogel perfusion system, we sought to develop a 

predictive model for designing gradients for stem cell differentiation using small and large 

compounds. To do so, we used RA as a model small biomolecule as its strong Raman signal allows 

for sensitive, label-free detection with non-destructive imaging in the hydrogel scaffolds[131,132].  

In addition to its strong Raman signal, RA is also relevant for modeling diffusion in our platform 

because it is an important morphogen in biological development (e.g. spatial organization of the 

neural tube)[44,101]. First, confocal Raman microscopy was used to measure RA concentration in 

the hydrogel over time in order to calculate a diffusion coefficient. We set up our system such that 

RA could diffuse into the hydrogel from a reservoir as shown in Fig. 4.3A. Raman measurements 

collected at a distance of 0.2 cm from the gel/reservoir interface showed increases in the intensity 

of the RA peak over time[131,132] (Fig. 4.3B). The peak intensity of the RA signal (maximum 
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intensity between 1590-1595 cm-1) as a function of time was fit using the equation for diffusion 

in semi-infinite media[128,133], resulting in a diffusion coefficient of 3.4 ± 0.3 x 10-7 cm2/s (Fig. 

4.3C). Although the diffusion coefficient of RA in gelatin hydrogels has not been previously 

reported, this result is in the expected range based on published diffusion coefficients for other 

molecules tested in a collagen film.[134] Dodson et al. measured diffusion coefficients of 2.4 to 

3.0 x 10-6 cm2/s for various retinoids in a solution of CD3OD and D2O (1:1) and 2.3 x 10-6 cm2/s 

for all-trans-retinoic acid in a bi-phase assay (agarose matrix and a toluene-based fluid)[135]. The 

difference between the diffusion coefficient measured in our study and that previously reported is 

likely due to differences in hydrogel density and composition (i.e. 10% gelatin vs. 5% agarose).  

The diffusion of RA through the hydrogel was then modeled using COMSOL with the 

Raman-derived diffusion coefficient applied as an input parameter. A representative concentration 

gradient after 24 hours is shown in Fig. 4.3D. The resulting values were further validated 

experimentally by perfusing RA through channels in a gelatin hydrogel for 24 hours and 

subsequently quantifying the RA concentration at different locations using a microplate reader 

(Fig. 4.3E). The experimental and model data show good agreement, suggesting the COMSOL 

model is a good predictor of small molecule diffusion.  
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Figure 4.3: The diffusion coefficient of a model small compound (RA) in the hydrogel scaffold 

was measured using Raman spectroscopy. (A) A schematic of the experiment shows the reservoir 

of RA maintained at a concentration of 2 μM adjacent to a hydrogel contained within a PDMS 

frame. Confocal Raman microscopy measurements were collected at a focal point below the 

surface of the gel at a location 0.2 cm from the reservoir-gel interface. (B) The intensity of the RA-

associated Raman peak (1590-1595cm-1) increased over time as RA diffused into the hydrogel. 

(C) The maximum intensity of the Raman peak for RA was plotted as a function of time (n=5 

independent experiments), and the data were fit with a modified equation developed for the 

diffusion of semi-infinite media in order to determine the diffusion coefficient of RA. (D) 

COMSOL model of RA diffusion in a hydrogel with two fluidic channels. Delivery of RA from 

the left channel is simulated and the RA concentration gradient is shown at 24 hours of perfusion. 

(E) Values of RA from the COMSOL model were validated experimentally at distances from 1-3 

mm. 
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 To model diffusion gradients of larger molecules, hydrogel channels were perfused with 

10 kDa dextran conjugated to Texas red and 10 kDa dextran conjugated to FITC. The fluorescence 

intensity of 10 kDa Texas red dextran in the hydrogel was measured over time at a single location 

and fit with the diffusion equation (Fig. 4.4A). Fluorescence intensity measurements collected at 

a distance of 0.2 cm from the channel showed increases in intensity over time, resulting in a 

calculated diffusion coefficient of 3.6 ± 0.18 x 10-6 cm2/s. This result closely agrees with 

previously published diffusion coefficients for 10 kDa dextran[136,137]. After 60 minutes of 

perfusion, opposing gradients of both fluorescent molecules were apparent as shown in an image 

of the entire length between the red and green channels (Fig. 4.4B) and a plot of the intensity 

profiles of the two varieties of dextran as a function of distance from the respective channels (Fig. 

4.4C). Although the crossover point for the two profiles is dependent on the relative gain settings 

for each color channel during imaging, the opposing diffusion gradients are clearly present, and 

the profiles intersect near the center of the hydrogel.  

The diffusion of Texas red-conjugated 10 kDa dextran and FITC-conjugated 10 kDa 

dextran from two parallel channels in a perfused hydrogel was modeled using COMSOL (Fig. 

4.4D-E). The simulated diffusion gradients were validated experimentally by perfusing a hydrogel 

for 60 minutes with the two dextran molecules in isolated channels (Fig. 4.4B) and subsequently 

quantifying the concentrations of both dextrans at distances of 1 mm, 2 mm, and 4 mm from the 

right (FITC-perfused) channel (x=8, 7, and 5 mm in COMSOL simulation) with a microplate 

reader (Fig. 4.4F). The experimental and model data show good agreement, suggesting the 

COMSOL model is a good predictor of large molecule diffusion.  
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Figure 4.4: The diffusion coefficient of a model large compound (fluorescently-labeled 10 kDa 

dextran) in the hydrogel scaffold was measured using confocal microscopy. (A) A fluorescent 

image of the experiment shows the left perfusion channel (red) and the right perfusion channel 

(green) under perfusion with a syringe pump. Fluorescence intensity of Texas red dextran at a spot 

0.2 cm from the left channel was measured over time to determine the diffusion coefficient. (B-C) 

After 60 minutes of perfusion, opposing gradients of both Texas red- and FITC-dextran molecules 

were apparent.  (D-E) Using the acquired diffusion coefficient, a COMSOL model was created to 

simulate Texas red dextran diffusion from the left port and FITC dextran diffusion from the right 

port. (F) Local concentrations of both dextrans obtained from the COMSOL simulation were 

validated experimentally at positions corresponding to x=5, 7, and 8 mm. 

 

Demonstration of temporal control of morphogen delivery 

RFP-expressing fibroblasts were transduced with a lentivirus to report RA signaling via 

GFP expression. These RA reporter cells were embedded in the dual port perfusion bioreactor for 

real-time, dynamic visualization of cellular response to the diffusion of RA. The cell-laden 

hydrogel was imaged with confocal microscopy to visualize constitutively active RFP and the 

reporter GFP expression after 4 conditions: 1) perfusion of the left channel with 2 µM RA for 1 
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hour, 2) perfusion of the right channel with 2 µM RA for 1 hour, 3) perfusion of both channels 

with 2 µM RA for 1 hour, and 4) perfusion with standard media for 24 hours. Standard media was 

perfused for 24 hours between each RA condition. As shown in Fig. 4.5 A-D, the GFP signal was 

localized to the region of the gel near the channels(s) perfused with RA. This signal was reversible 

as shown by conditions 2-4 and that this on/off experiment demonstrates both spatial and temporal 

control of morphogen delivery to the hydrogel. Because the cells near the center of the hydrogel 

were not exposed to RA and did not express GFP in this experiment, an additional hydrogel 

containing RFP-expressing fibroblasts was perfused with standard media for 14 days and stained 

with Calcein and Sytox blue to confirm cell viability throughout the hydrogel region between the 

two channels (Fig. 4.5E). This experiment confirmed that 97% of the cells in the region between 

the two channels were alive at 14 days. 
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Figure 4.5: Live-cell imaging of the response to RA in RFP-expressing fibroblasts that report RA 

signaling via GFP expression. The dual perfusion channel, cell-laden hydrogel was imaged to 

visualize constitutively active RFP and the reporter GFP expression after exposing the device 

sequentially to the following conditions: (A) perfusion of the left channel with 2 µM RA for 1 

hour, (B) perfusion of the right channel with 2 µM RA for 1 hour, (C) perfusion of both channels 

with 2 µM RA for 1 hour, and (D) perfusion with standard media for 24 hours. Standard media 

was perfused for 24 hours between each RA condition. The GFP signal was localized to the region 

of the gel near the channels(s) perfused with RA, and the signal was reversible. (E) To confirm the 

cells remain viable in the entire region between the perfusion channels, RFP-expressing fibroblasts 

embedded in a hydrogel perfused with standard media for 14 days were stained with Calcein and 

Sytox blue (97% live cells).  
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One difficult aspect of replicating in vivo developmental progression is the inability to 

control and manipulate temporal changes in morphogen concentrations in large 3D scaffolds. 

Traditionally, stem cell differentiation protocols have been developed and optimized in 2D 

cultures. This approach focuses on the direct delivery of soluble morphogens to a monolayer of 

cells, resulting in a large yield of differentiated cells. However, these results are not indicative of 

the complex stem cell niche that arises when cells react to the endogenous cues of 3D physical 

environments, including morphogen gradients, cell-to-scaffold, and cell-to-cell interactions. These 

concerns have prompted the development of systems to better control morphogen delivery in 3D 

culture. Our device, as demonstrated using the RARE reporter cells, allows researchers to 

introduce a morphogen such as RA to the cells through diffusion and monitor real-time responses 

to morphogen exposure. In addition, this platform enables users to turn off the morphogen signal 

by simply changing the perfusion media.  

Spatially tuned control of MSC fate with morphogen gradients      

MSCs were uniformly embedded in 3D hydrogels and the two parallel channels were 

perfused with osteogenic (containing 10ng/ml BMP-2) or chondrogenic (containing 20 ng/ml 

TGFβ1) media provided by two separate conical tube reservoirs (Fig. 4.2A-B). Stem cell 

differentiation was characterized using immunofluorescence and Western blot after 35 days of 

perfusion. High-magnification images of nuclear (Runx2 and Sox9) and extracellular matrix 

(Osteocalcin and Collagen II) markers of osteogenic and chondrogenic differentiated MSCs 

confirm that both cell fates were achieved in the hydrogels (Fig. 4.6). Immunofluorescence of 

Runx2 (a marker of osteocytes) and Sox9 (a marker of chondrocytes) was first used to visualize 

(Fig. 4.7A) and quantify (Fig. 4.7C-D) MSC differentiation in response to each morphogen. The 

number of Runx2-positive cells (osteocytes, normalized to total cell count (Fig. 4.7B)) was 
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maximized within a 3.6 mm distance from the channel (Fig. 4.7C, Regions 1 and 2) and decreased 

significantly at 3.6-7.2 mm (Regions 3 and 4, p<0.05). The region of the gel furthest from the 

channel (7.2-9 mm, Region 5) had an additional significant reduction in differentiation of MSCs 

into osteocytes (Fig. 4.7C, p<0.05). The Sox9 immunofluorescence showed a steeper gradient (Fig. 

4.7D), with a significant decrease in the percentage of positive cells in Regions 3 and 4 relative to 

Region 5 (1.8-5.4 mm from channel). The differentiation of cells into chondrocytes further 

decreased significantly at distances 5.4-7.2 mm and 7.2-9 mm from the channel (Fig. 4.7D, 

p<0.05). Protein expression for Runx2 and Sox9 was also confirmed and quantified using Western 

blot (p<0.05, Fig. 4.7E-F) and showed significant decreases in protein expression at each 3 mm 

increment in distance from the channel perfused with morphogens.  

Together, these immunofluorescence and Western blot results confirm that spatial 

gradients of stem cell differentiation were achieved, resulting in both bone and cartilage regions 

within a single, 3D hydrogel. The differentiation of MSCs into bone and cartilage using these 

morphogens has been well-characterized in previous 2D and 3D studies[129,138,139]. Thus, we 

used these differentiation protocols as a proof-of-concept validation of our stem cell differentiation 

platform and observed the expected behavior of MSC differentiation. Additionally, we addressed 

an aspect of in vitro stem cell differentiation that has been underdeveloped: the ability to control 

morphogen gradients presented to cells for extended periods of time in a 3D construct.  
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Figure 4.6: Osteogenic and chondrogenic MSC fates were examined using immunofluorescence 

after 35 days of hydrogel perfusion with differentiation media. Cells in the osteogenic region 

expressed Runx2 in the nucleus and osteocalcin in the extracellular matrix. Cells in the 

chondrogenic regions expressed Sox9 in the nucleus and Collagen II in the extracellular matrix. 

Hoechst and actin stains were used to visualize cell nuclei and cell morphology, respectively. 



63 

 

 

Figure 4.7: Opposing gradients of osteogenic and chondrogenic differentiation can be generated 

by delivery of soluble morphogens localized to isolated channels. (A) MSCs demonstrated gradient 

patterns of differentiation with respect to osteogenic and chondrogenic media. This representative 

immunofluorescence image shows spatially opposing gradients of osteogenic and chondrogenic 

differentiation of MSCs, with the highest level of Runx2 expression (red, marker of osteogenic 

cells) located near the osteogenic media channel (region 1) and more prominent Sox9 expression 

(green, marker of chondrogenic cells) located closer to the chondrogenic media channel (region 

5). (B) A Hoechst nuclear counterstain was used to visualize the whole-cell population for 
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normalization of the Runx2 and Sox9 positive cell counts. (C) Osteogenic differentiation induced 

by 10 ng/ml BMP-2 had the highest immunofluorescence expression of the differentiation protein 

Runx2 in region 1 and significantly decreased as distance increased from the source channel 

(regions 2-5). (D) Similarly, chondrogenic differentiation induced by 20ng/mL of TGFβ1 had the 

highest immunofluorescence expression of the differentiation protein Sox9 in the region closest to 

the chondrogenic media channel (region 5) and significantly decreased further away from the 

source channel (regions 1-4). (C-D) The immunofluorescence results were further validated by 

protein expression measured by Western blot. The highest expression of Runx2 (E) occurred 

nearest to the osteogenic media channel (region A), and significantly decreased as distance 

increased (regions B and C). The highest expression of Sox9 (F) was measured nearest to the 

chondrogenic media channel (region C), and significantly decreased further away from the source 

channel (regions A and B). *p<0.05, n=10 hydrogels. 

 

Previous microfluidic platforms have been designed for tight control of the spatial 

presentation of morphogens through simple Fickian diffusion principles[19,101,118,140]. 

However, these systems often not well suited for long term cell culture due to cellular overgrowth 

in the small 3D environment. In the current work, we explored the ability to further tune the MSC 

differentiation gradient over a 35-day period by modulating the morphogen concentration in the 

chondrogenic differentiation media (10 ng/mL TGFβ1 compared to 20 ng/mL TGFβ1, Fig. 4.8). 

The lower concentration of TGFβ1 produced a steeper gradient of Sox9 expression as shown by 

both immunofluorescence (Fig. 4.8A) and Western blot (Fig. 4.8B). While the percentage of 

positive cells was equivalent for both concentrations of TGFβ1 within the first 1.8 mm region next 

to the channel as detected with immunofluorescence of Sox9, perfusion with the lower morphogen 

concentration resulted in significantly fewer differentiated cells within each of the other 4 regions 

relative to the higher TGFβ1 concentration (†p<0.001, Fig. 4.8A). Western blot analysis showed 

that protein expression differed significantly between the two concentrations of TGFβ1 within all 

three 3-mm regions (*p<0.05, Fig. 4.8B). These results indicate that the spectrum of differentiation 

states can be further modulated by varying the concentration of a morphogen provided to the 

hydrogel via the perfusion channel[22,56,119,120]. Because our platform is designed with external 
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reservoirs that can be replenished or replaced, and perfusion circuits that could employ valves to 

automatically switch between reservoirs, we have an additional level of control for designing 

complex morphogen presentation gradients in space and time.  

 

Figure 4.8: MSC differentiation gradients generated by TGFβ1 can be tuned based on source 

channel concentration. (A) Quantitative analysis of Sox9 immunofluorescence reveals a decrease 

in the percentage of differentiated cells when the concentration of TGFβ1 is decreased from 

20ng/mL (solid bars) is decreased to 10ng/mL (striped bars). Regions 1-4 showed a statistical 

difference (†p<0.001) between the 20ng/mL and 10ng/mL TGFβ1 conditions. (B) Quantitative 

analysis of protein expression of Sox9 showed a decrease in chondrogenic differentiation with a 

decrease in TGFβ1 concentration from 20ng/mL (solid bars) to 10ng/mL (striped bars). Regions 

A-C showed a statistical difference (*p<0.05) between the two TGFβ1 conditions. n=10 hydrogels 

per TGFβ1 concentration. 

 

As stem cell studies increase in complexity, so must the versatility of the platforms needed 

to perform experiments. Several novel approaches have been developed to study the precise 

mechanisms by which individual components regulate stem cell differentiation in 3D. For 

example, vertebral neural development[141], kidney development[142], liver development[143], 

and cardiac development[144] have been studied using 3D, multicellular masses known as 

organoids[145] to mimic in vivo architectures and complex functions. These structures can grow 

to millimeters in size over the course of months and exhibit layered differentiation. However, to 
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achieve proper organization, organoids derived from stem cells require complex, region-specific 

dynamic cues to differentiate into a multifaceted, functional organoid. One approach to growing 

more complex organoids is to manually fuse separate, differentiated organoids such as individual 

brain regions[146]; however, human intervention may impart heterogeneity and fusion of more 

than two regions remains challenging. Our perfused scaffold-based platform represents an 

alternative approach for generating large, complex architectures, as it allows for differentiation of 

stem cells into multiple tissue types within a single, large-scale hydrogel without the need for 

joining separate constructs. However, our large-scale scaffold still presents finite boundaries to the 

cells, which is a common limitation for in vitro models of developmental processes, regardless of 

the size of the construct. An advantage of using a large, 3D hydrogel is the ability to dissect and 

analyze spatially discrete regions using several common readouts (e.g. immunofluorescence and 

Western blot) that would be difficult to obtain in microfluidic system. Another limitation in this 

study is the absence of cellular metabolic activity and consumption of morphogens in the 

COMSOL model. While simulated diffusion gradients at early timepoints can be validated 

experimentally, the model does not account for the complex cellular binding and uptake of 

morphogens which is beyond the scope of the current work. Together with the diffusion model, 

our hydrogel perfusion platform, with external reservoirs that can be turned on/off or replenished 

as desired, would allow users to predict and tune spatial and temporal morphogen gradients to 

achieve control over a targeted range of stem cell lineages/commitments localized to specific 

regions of a scaffold. 
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CHAPTER 5 

 

DEVELOPMENT OF BIOFUNCTIONALIZED MOLDABLE HYDROGELS TO 

SUPPORT FORMATION OF NEURONAL NETWORKS  

 

Aim 3.A: Develop a hydrogel system to support formation of a neuronal network that can 

serve as a platform for studying neurological diseases. 

 

5.1 Abstract 

Due to the inability to acquire live human brain tissue, most studies of neurological 

development and neurodegenerative diseases have been limited to animal models. However, in 

vivo models do not fully mimic the human brain and disease conditions. A biomaterial for 

promoting neural cell growth and network formation that is rigid enough to support patterning of 

perfusion channels would be highly advantageous, but to date has yet to be developed. Typical 

hydrogels used (e.g. hyaluronic acid, Matrigel) support many types of neural cells but lack the 

ability to be molded and do not promote effective survival of single-cell neuron suspensions 

through exogenous cues. This study evaluates gelatin methacrylate modified with N-cadherin, a 

short peptide that promotes synaptic formation and plasticity, (“GelMA-Cad”) as a biomaterial 

solution to this problem.    

 

5.2 Introduction 

Neurodegenerative diseases are estimated to affect 1 in 7 people[23]. These disorders (e.g. 

Alzheimer’s disease, Parkinson’s disease, Huntington’s disease, Amyotrophic Lateral Sclerosis 

and Multiple Sclerosis) all have different brain region-specific presentation and cell-cell signaling 
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paradigms, making it difficult to understand the mechanism and propagation of the disease and 

thus limiting effective treatments. As such, there has been a growing interest in developing in vitro 

models for studying neurodegeneration. This interest has been primarily driven by the lack of 

clinical translation of prospective therapeutics that were initially deemed promising based on 

efficacy in animal models [25,66,147–150]. 2D neural cell culture systems have been extensively 

utilized for initial therapeutic development, while useful, these culture platforms are generally not 

able to recapitulate appropriate cell morphology, electrophysiological activity, and robust neuronal 

communication between various cell types[151].  Meanwhile, recent advancements in 3D neural 

tissue models have generated much excitement due to their prospective ability to mimic the 

structure and function of human brain regions. It is hoped that such 3D models will lead to an 

improved understanding of disease biology and serve as platforms for screening of potential 

therapeutics.  

At present, there are many examples of 3D human neural tissue models in the literature, 

each aiming to create clusters of neurons and other relevant cells (such as astrocytes and 

oligodendrocytes) to form interconnected neural circuits[29,30,152,153]. These tissue models are 

often constructed from human induced pluripotent stem cell (iPSC)-derived progenies and 

typically consist of either organized multicellular structures (e.g. spheroids or organoids) or 

random assortments of cells embedded in ECM. One common approach is to embed iPSC-derived 

organoids in Matrigel and culture these structures in spinning flasks or bioreactors[28,154]. The 

Matrigel ECM supports the self-organization of the neuroepithelium to induce neuroepithelial buds 

and facilitates growth by providing a structural matrix for cells to attach and grow[26]. These buds 

further develop into structures that are analogous to the developing human brain and can be used 

for studying developmental pathways. Additionally, Matrigel has a stiffness that matches the 
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developing human brain (500 Pa-1kPa)[25], which facilitates neuron 

survival/maturation[155,156]. Other materials that have been developed for extended culture of 

iPSC-derived neural progenitor cells (NPCs) and neurons include silk, collagen, hyaluronic acid 

(HA), elastin-like peptides, and polyethylene glycol (PEG)[25,29,51,157–159]. Scaffolds 

constructed from these highly-porous materials allow for diffusion of essential nutrients and 

morphogens throughout the entire construct, which helps avoid mass transfer limitations often seen 

in larger organoid-based systems. Using these materials to make small 3D constructs has allowed 

researchers to maintain NPCs and neuronal cultures for extended studies (months), monitor 

differentiation and behavior such as axon formation, growth, and pruning[30,152,157]. 

Additionally, these platforms have demonstrated utility for assessing disease phenotypes when the 

iPSCs are sourced from patients that harbor genetic risk factors for each disorder[29].  

Herein, we focused on engineering an ECM material to facilitate neuronal survival and 

maturation within large, perfusable tissue constructs. This endeavor was motivated by some of the 

intrinsic downsides of existing ECM platforms mentioned in Chapter 2.3. In terms of tissue 

structure fabrication, many ECMs such as Matrigel and HA collapse under their own weight (too 

compliant), and are therefore too soft for molding; as such, these materials are incompatible for 

incorporating vasculature using top-down fabrication approaches and thereby cannot overcome 

mass transfer limitations that can result in hypoxia-mediated apoptotic regions in larger structures. 

In addition, the ECM platforms used for neural tissue constructs are not typically designed to 

present physical cues (e.g. N-cadherin, RGD motif) that promote cell-cell or cell-ECM interactions 

to facilitate neuronal maturation. Of the aforementioned materials, only Matrigel (e.g. primarily 

laminin) and HA have physiological relevance to brain tissue. Indeed, iPSC-derived organoids 

embedded in Matrigel yield functional neurons[25,30] and iPSC-derived NPCs embedded in HA 
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rapidly mature into neurons (as compared to NPCs in 2D culture)[158], but the previous issue of 

the hydrogels being too compliant remains. Additionally, most naturally-derived or synthetic ECM 

materials are relatively expensive, which can render fabrication of larger structures cost-

prohibitive. To overcome some of these challenges, we synthesized a biomaterial termed GelMA-

Cad, which consists of gelatin methacrylate (GelMA) conjugated with a peptide from an 

extracellular epitope of N-cadherin (a proposed graphical representation of cell-to-ECM 

interaction is represented in Fig. 5.1A).  Herein, we demonstrate that GelMA-Cad facilitates 

neuron survival and extension of neurite processes. We further demonstrate that this novel 

biomaterial has physiological stiffness and can be used in large hydrogel blocks patterned with 

perfusable channels that remain patent throughout long-term experiments.  

 

5.3 Methods 

Cell Culture 

CC3 iPSCs[160] were maintained on Matrigel (VWR) coated plates with E8 medium 

(produced according to a previously described protocol)[161]. When the cells were about 60-70% 

confluent, they were passaged using Versene (Thermo Fisher). The iPSCs were differentiated into 

cortical glutamatergic neurons using a previously described protocol[162] with some 

modifications. Briefly, CC3 iPSCs were dissociated from the plates using Accutase (Thermo 

Fisher) and seeded onto Matrigel coated plates at a cell density of 250k/cm2 and then cultured in 

E8 and 10 M Y27632 (Tocris). The following day, the iPSCs were given E6 (produced according 

to a previously described protocol)[161] supplemented with 10 M SB431542 (Tocris) and 0.4 

M LDN1931189 (Tocris) for 5 days. The media was gradually transitioned from E6 to N2 
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Medium (DMEM/F12 medium, Thermo Fisher, supplemented with 5 mL of N2 supplement, 

Gibco) supplemented with 10 M SB431542 and 0.4 M LDN193189 over the next 5 days. On 

the 11th day of the differentiation protocol, the neural precursors were passaged using Accutase 

and re-plated onto Matrigel in Neural Maintenance Medium at a cell density of 100k/cm2. Neural 

Maintenance Medium was produced by mixing a 1:1 ratio of N2 Medium and B27 Medium 

(Neurobasal Medium; Thermo Fisher; 200 mM Glutamax, Gibco, and B27 Supplement, Gibco). 

Cells were then maintained Neural Maintenance Medium, with a media change every day for the 

next 20 days and a media change every 3-4 days afterwards. Neurons were used for experiments 

between days 70-100.  

GelMA Synthesis and Characterization 

Methacrylated gelatin was synthesized as described previously[163]. Briefly, type A 

porcine skin gelatin was mixed at 10% (w/v) into phosphate buffered saline (PBS) at 60°C and 

stirred until fully dissolved. Methacrylic Acid (MA) (Sigma) was added to the gelatin solution at 

a rate of 0.5 mL/min under stirred conditions at 50°C until the target volume was reached and 

allowed to react for 1 h. Following a 5X dilution with additional warm (40°C) PBS to stop the 

reaction, the mixture was dialyzed against distilled water to remove salts and MA using 12–14 

kDa cutoff dialysis tubing for 1 week at 40°C. The resulting GelMA solution was lyophilized for 

1 week and stored at −80°C.  

Peptide Conjugation and Characterization 

N-cadherin peptide conjugation was performed as previously reported [164] with slight 

modifications. Briefly, a 10% GelMA solution was reconstituted in TEOA (triethanolamine) buffer 

and stirred at 37°C for one hour until fully dissolved. Scrambled (Ac-AGVGDHIGC) or N-

cadherin mimic (Ac-HAVDIGGGC) peptides were mixed with the GelMA/TEOA buffer at 1% 
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w/v solution. The cystine residue at the C-terminal end permitted Michael-type addition reaction 

with GelMA. All peptides were obtained from GenScript. The reaction was stirred at 37°C 

overnight for peptide conjugation. Conjugation was verified through 1H NMR for the presence of 

the amino acid valine (Fig. 5.1B). 

 

Figure 5.1: A graphical representation of the GelMA-Cad hydrogel and the proposed interaction 

between the cell and the ECM (A). NMR confirming the conjugation of methacrylated groups to 

gelatin (GelMA) and the peptide conjugation to GelMA (GelMA-Cad and GelMA-Scram). PDMS 

mold with crosslinked GelMA-Cad (C) showing an intact channel that can be perfused and 

Matrigel showing a collapsed channel after crosslinking (D). 

 

Mechanical Properties  

GelMA, GelMA-Scrambled (GelMA-Scram) and GelMA-Cad were reconstituted in 

complete media to make a 10% solution with 0.1% lithium phenyl-2,4,6-

trimethylbenzoylphosphinate (LAP) initiator. The solutions were added to PDMS molds (8mm 

diameter x 8mm height cylinders) and the hydrogels were crosslinked using ultraviolet (UV) light 

(Thorlabs CS2010) at either 25mW/cm2 or 45mW/cm2 for 10 seconds followed by 30 minutes in 
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a 37°C incubator. For mechanical testing, each hydrogel was removed from the PDMS mold and 

placed on the center of the lower anvil of an Instron 5944 mechanical tester, after which the top 

anvil was brought down to an 8mm distance from the plate. Unidirectional compression was 

performed at room temperature with a 50N load cell at a rate of 1mm/min to obtain a stress-strain 

curve and derive the Young’s modulus for each hydrogel and UV exposure condition (5 replicates 

per gel/UV condition). The compression was stopped at 4mm (50% compression) for each trial. 

Fabrication of Hydrogels Containing Perfusable Channels 

GelMA, GelMA-Scram and GelMA-Cad were reconstituted to a 10% w/v solution and 

mixed with 0.1% LAP. Once fully dissolved, 1.5 ml of the hydrogel was poured into a mold with 

a single piece of stiff silicon tubing (1/16” outer diameter) running through the center to form a 

straight channel. The gels were exposed to 45mW/cm2 for 10 seconds. Matrigel and HA hydrogels 

were also prepared in similar molds with a straight channel for comparison. After allowing the 

hydrogels to crosslink, the silicon tubing was removed and the resulting channel was perfused with 

PBS to check for patency.  

Scaffold Seeding 

GelMA, GelMA-Scram and GelMA-Cad were reconstituted in complete media to make a 

10% solution with 0.1% LAP initiator. iPSC derived neurons that were between 70-100 days old 

were detached from 6-well plates and spun down in a conical tube. After a cell count, the 

appropriate volume of cells was added to the reconstituted hydrogel/initiator solution to achieve a 

100k/ml cell density. 50µl of the solution was then added to a 48-well plate and exposed to 

45mW/cm2 UV light for 10 seconds, then allowed to crosslink in the 37°C incubator for 30 

minutes. After the hydrogel crosslinked, media was added to each of the wells.  
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Confocal Imaging and Analysis 

To assess long term cell viability in the 3D hydrogel, the cell-laden hydrogels were exposed 

to 5% v/v Calcein AM and Sytox Blue for one hour. This staining occurred at 48 hours, 72 hours, 

and 10 days after embedding. The scaffolds were imaged using a Zeiss 710 confocal microscope 

and cell viability was assessed using ImageJ.  

Raw microscope images were exported in 16-bit TIF format and imported into Matlab 2017 

for quantification using a custom image analysis script. Briefly, images were smoothed using a 

3x3 pixel smoothing filter to mitigate noise, and in-focus axon segments were identified by 

isolating regions at least 5% brighter than the mean pixel intensity in the surrounding 50-pixel 

radius[165]. Cell bodies and axons were distinguished by successive erosion of the resulting binary 

mass. The erosion radius at which the total cell mass declined most steeply was used to define the 

radius required to erode axons while sparing cell bodies. Following segmentation of axons and cell 

bodies, algorithms previously developed for analysis of mitochondrial networks[165] were used 

to measure the average length and width of each axonal segment.  

 

5.4 Results  

Peptide Conjugation 

GelMA hydrogels were functionalized with N-cadherin or scrambled peptides, and a 

control group consisting of only GelMA was used for comparison. Peptide binding efficiency was 

determined to be 91% ± 0.2 and 90.5 ± 0.2 of the theoretical amount for N-cadherin and scrambled 
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groups, respectively. NMR confirmed presence of a valine peak at ~3.5ppm in the GelMA-Cad 

and GelMA-Scram hydrogels (Fig. 5.1B). 

GelMA Hydrogels Support Perfusion Channels  

Matrigel, HA, GelMA, GelMA-Scram and GelMA-Cad hydrogels were crosslinked in a 

mold with a single straight channel. After allowing the hydrogels to crosslink, the straight channel 

template (silicon tubing) was removed and the resulting channel was perfused with PBS (Fig. 5.1C 

and D). GelMA, GelMA-Scram and GelMA-Cad were all able to be perfused through the channel 

without rupture of the hydrogel. Matrigel and HA hydrogels could not be perfused, because the 

channel collapsed immediately after removing the tubing (Fig. 5.1C). 

Mechanical Properties 

Young’s modulus was derived from a stress-strain curve for GelMA, GelMA-Scram and 

GelMA-Cad hydrogels measured with an Instron mechanical tester. The GelMA samples had an 

average Young’s Modulus of 63 kPa ± 1 when crosslinked with 45mW/cm2 UV light and 40 kPa 

± 1 with 25 mW/cm2 UV light (Fig. 5.2). The GelMA-Scram and GelMA-Cad yielded similar 

results when using 45 mW/cm2. 
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Figure 5.2: Example of GelMA-Cad crosslinked in an 8x8mm column and placed on Instron lower 

anvil (A). Instron testing showing 4mm compression of the hydrogel (B) and the subsequent 

Young’s Modulus for each of the biomaterials.  

 

N-cadherin Peptide Enhances Cell Viability in 3D Culture  

iPSC derived neurons were embedded in 3D GelMA, GelMA-Scram and GelMA-Cad 3D 

hydrogels crosslinked in a 48 well plate (45mW/cm2 UV intensity for 10 seconds).  Long-term 

cell survival was assessed using confocal imaging of Calcein-AM and Sytox Blue signals at 48 

hours, 72 hours, 5 days and 10 days of incubation (Fig. 5.3-5.4). Fig. 5.3A shows iPSC derived 

neurons stained with Calcein-AM and Sytox Blue located approximately 2 mm deep inside the 
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gel. Imaging of the GelMA and GelMA-Scram hydrogels showed nearly all cells were dead within 

48 hours of embedding (6% ± 2 and 7% ± 3 living, respectively) (Fig. 5.3 A and B). At 48 hours 

and 72 hours, nearly all of the embedded cells in GelMA-Cad were alive (85% ± 6 and 96% ± 2, 

respectively) (Fig. 5.3 C and D). On days 5 and 10, the GelMA-Cad hydrogels were again stained 

with Calcein and Sytox Blue. In GelMA-Cad, cells survived and proliferated within the hydrogel 

over the 10-day period as shown by a z-stack projection at approximately 2 mm inside the gel (Fig. 

5.3C and 5.4). The cells had grown to near confluence by day 10 (Fig. 5.4), however they remained 

viable with 97% ± 3 living.   
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Figure 5.3: Single cells suspensions of neurons survive in GelMA-Cad, but not GelMA or 

GelMA-Scram after 48 hours. (A) In the GelMA scaffold, only 5.5% of the cells are alive at 48 

hours as shown by Calcein/Sytox Blue staining for live/dead cells. (B) Only 6.6% of cells were 

alive in the GelMA-Scram Scaffold at 48 hours. In the GelMA-Cad scaffold, 85.1%, 95.5%, 

96.6%, and 96.7% of cells were alive at 48 hours (C), 72 hours (D), 5 days (E), and 10 days, 

respectively (F).  
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Neuronal Network Analysis 

For image analysis, confocal z-slice images were individually masked to subtract out the 

background (Fig. 5.4B and E). The images were then used to identify cell bodies (red) and axon 

projections (green) (Fig. 5.4C and F) 

On day 5 and 10, cells in GelMA-Cad hydrogels were loaded with Calcein for one hour 

and imaged (Fig. 5.3C and 5.4). Confocal images were then processed in Matlab to determine cell 

count, average axon width and average axon length. At day 5, the cell body count had an average 

of 55.6 cells per z-slice and was not uniform over the imaged distance. However, the average axon 

length was consistent (4.4 μm ± 0.1).  At day 10, cell body counts had increased with distance 

from the bottom surface of the hydrogel with over 250 cell bodies identified in the deepest slice of 

the z-stack and an average of 162.3 cells per z-slice. The mean axon width (~4-7µm) and length 

(15µm) were largely consistent across all z-stack slices.   
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Figure 5.4: Z-stack confocal images of the neuronal networks in the GelMA-Cad scaffold were 

analyzed to assess cell body count, axon length and axon width.  At 5 days (A), cell bodies and 

axons were identified via masking (B), skeletonizing, and labeling (C) the neuronal network 

images. (D) The cell body count at 5 days ranged from 30 to 90 per 6.9 μm z-stack slice. The 

average axon length (per z-slice) ranged from ~25-100 μm and the average axon width was 

consistent throughout the imaged volume at ~4 μm. At 10 days (E-G), the cell body count increased 

with distance from the surface up to ~275 cell bodies (H). The average axon width and length 

across all image slices were 3-6 μm and ~15 μm, respectively.  
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5.5 Discussion  

A 3D model enabling the culture of suspensions of single neural cells and astrocytes would 

provide a unique advantage for studying disease pathology, progression and propagation at the 

level of single cells[25,26,30,66,157]. However, efforts towards such studies have been limited 

due to the lack of materials that can be patterned with embedded perfusable channels while 

simultaneously providing a soft enough environment to support neuronal cell growth and 

axon/dendrite formation.  

One problem with current hydrogels when used to culture neurons in 3D is the lack of ECM 

signaling that is present in vivo (RGD motif, N-cadherin). There are many factors that contribute 

to neural cell survival, dendrite growth and synaptic formation in a 3D environment, including 

neurotrophins, morphogens, and cell adhesion molecules. Some combination of intrinsic programs 

and extrinsic signals are known to induce development of axons and dendrites. However, these 

intracellular pathways and extracellular signals are not well understood[151]. Studies employing 

2D culture have shown that elevated N-cadherin levels lead to increased dendrite and axon 

projections[166,167]. The presence of this cell adhesion molecule activates the catenin cascade, 

which is known to promote axonal outgrowth and suppresses apoptosis. However, these cells must 

be grown in large 3D spheroids, as neurons that were seeded as individual cells did not project 

axons and dendrites to neighboring cells in these earlier studies [168]. Another important cell 

adhesion molecule that has been shown to enhance neural cell behavior is the RGD motif. Recent 

studies have shown that the presence of RGD domains are neuroprotective and promote neurite 

outgrowth through integrin activation and integrin-dependent MAPK signaling[169]. Our novel 

GelMa-Cad hydrogel successfully incorporates a short peptide containing the N-cadherin motif 

(HAVDI) that has been found to enhance cellular responses in the 3D scaffold [164](Fig. 5.1B). 
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NMR spectra confirmed the presence of the peptide with a peak from the amino acid Valine at 

~3.5ppm. Additionally, this chemical modification did not interfere with the RGD motif that is 

naturally present in gelatin (peaks at ~4.0 and ~2.0ppm). Thus, it is possible that both of these 

biochemical signals (N-cadherin and RGD) might simultaneously enhance the integration of iPSC 

derived neural cells in a 3D scaffold. 

To test the theory that N-cadherin and RGD support a single cell neuron suspension, we 

crosslinked iPSC derived neurons within GelMA, GelMA-Scram and GelMA-Cad hydrogels. 48 

hours after formation of cell-laden hydrogels, cells in the GelMA and GelMA-Scram hydrogels 

were nearly all dead (Fig. 5.3), while the GelMA-Cad cells can be seen growing axons into the 3D 

matrix (Fig. 5.3). After 72 hours, robust axon projections can be seen interconnecting from cell to 

cell (Fig. 5.3). And finally, by day 10, the cells in GelMA-Cad hydrogels have formed a high-

density network of axons (Fig. 5.4). These results are, to our knowledge, the first demonstration 

of single neural cells surviving in a 3D hydrogel for an extended time. 

Another challenge presented by the use of Matrigel or HA hydrogels is their inability to be 

patterned with perfusable channels, as they collapse under their own weight[25]. This limits the 

size of the construct to a radius of ~200µm (the allowable maximum diffusion distance for 

nutrients from media) and leaves limited room for cell growth before confluence is reached. 

GelMA, the main component of our hydrogel, has been used in several areas of tissue engineering 

including cardiac[144], bone[170] and cancer models[171]. The versatility of this hydrogel is due, 

in part, to the ability to induce free-radical polymerization via UV light. This control makes 

photopatterning structures in GelMA possible, while retaining a soft environment with mechanical 

properties similar to brain tissue. The GelMA-Cad hydrogel was reconstituted to 10% solution and 

exposed to 45 mW/cm2 of 365nm light for 10 seconds in a single channel PDMS mold. This 
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exposure and subsequent crosslinking formed a gel mechanically robust enough to enable the 

fabrication of a single straight, perfusable channel in a large hydrogel (Fig. 5.1C), while the 

Matrigel and HA controls both collapsed and the perfusion channel did not remain patent (Fig. 

5.1D). Another advantage of GelMA over existing hydrogel materials is the ability to tune the 

stiffness of the construct. GelMA hydrogels polymerize as a function of UV light intensity, time 

and initiator concentration. In the current work, 10% GelMA, GelMA-Scram and GelMA-Cad 

were polymerized under 45 mW/cm2 or 25 mW/cm2 of UV light for 10 seconds to demonstrate 

tunable stiffness via measurement of Young’s modulus.  

 GelMA-Cad allows for single cell iPSC derived neural stem cells to be embedded in a 3D 

matrix for long term culture with minimal cell death and represents a significant advance over 

prior in vitro platforms for neural cell culture. The inclusion of both an N-cadherin short peptide 

and the RGD motif already present in the gelatin, combined with a soft but moldable 3D matrix, 

resulted in increased cell survival, increased axon/dendrite projections, and formation of a 

neuronal network. This platform is expected to enable new studies of neural disease pathology and 

signal propagation on the single cell level which may lead to more effective therapeutics for a 

number of neurological diseases. 
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CHAPTER 6 

 

PERFUSED TISSUE CONSTRUCT TO MODEL THE HUMAN DUCTUS ARTERIOSUS 

FOR RAPID DRUG SCREENING 

 

Aim 3.B: Develop a perfused tissue construct to model the human ductus arteriosus.  

 

6.1 Abstract 

Closure of the ductus arteriosus (DA) is a crucial process, necessary to ensure infant 

viability and health[32]. In utero, the DA connects the pulmonary artery and aorta, shunting more 

than half of the deoxygenated cardiac output away from the developing lungs and into the systemic 

placental circulation where gas exchange occurs. At birth, the DA must permanently close to 

facilitate perfusion of the newly inflated lungs. DA closure occurs in two phases: (1) functional 

occlusion of the lumen via smooth muscle cell contraction, followed by (2) anatomical remodeling 

of the structure resulting in a permanent fibrous remnant. In normal healthy term infants, functional 

occlusion of the vessel occurs within the first 12-72 hours of life. However, in some cases, the DA 

fails to close resulting in a condition termed patent ductus arteriosus (PDA). Several comorbidities 

including neurodevelopmental impairment, intraventricular hemorrhage and pulmonary 

hemorrhage have been attributed to or associated with prolonged patency of the DA[34]. Despite 

a large body of basic science studies using animal models of PDA as well as numerous 

retrospective clinical analyses, only three drugs are currently available to treat PDA and little 

progress has been made to establish a standard of care[35]. This lack of therapeutic options and 

clinical consensus has resulted in substantial heterogeneity in the approach to treating PDA 
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pharmacologically and/or surgically, and clinical outcomes vary widely. Therefore, this field 

would benefit significantly from an in vitro platform that physically and biologically resembles 

human DA structure and enables high-throughput screening of novel pharmacology-based 

therapeutics in an environment closely mimicking that found in vivo. To address this need, we 

have developed and characterized the first (to our knowledge) artificial ductus arteriosus 3D 

construct using a hydrogel tube with embedded human DA smooth muscle cells.  

 

6.2 Introduction 

The ductus arteriosus (DA) is a vascular structure developed in utero that shunts blood 

from the right ventricle to the descending aorta in order to bypass pulmonary circulation. Upon 

birth, the DA constricts via the muscular wall and becomes functionally closed after 72 hours[172]. 

This causes a shift in blood flow, driving blood away from the DA and directly from the right 

ventricle to the lungs. It is known that this occurrence is associated with an increase in the partial 

pressure of oxygen that coincides with the first breath. However, in preterm infants this artery is 

underdeveloped, and closure is delayed by an average of 4 days and remains patent in 10% of 

preterm infants born at 30-37 weeks of gestation, 80% in those born at 25-28 weeks, and 90% of 

those born at 24 weeks[173]. After day 7 those rates decline to 2%, 65% and 87%, respectively. 

Although extensive research has been done in vivo and in situ, there are few pharmacological 

therapies that are effective in closing the DA in pre-term infants.  

Therapies for closing patent DA (PDA) were developed in the mid-1970s and consisted 

predominantly of drugs that inhibited cyclooxygenase (COX) enzymes. Indomethacin, a 

nonsteroidal anti-inflammatory drug (NSAID), was the most commonly used drug for many years, 

despite the numerous off-target drug interactions (e.g. renal disfunction, intestinal perforation, 
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altered cerebrovascular regulation, chronic lung disease)[173–175]. More recently, clinical trials 

have experimented with less aggressive therapeutic strategies for PDA. In such trials, the NSAID 

drug ibuprofen (COX inhibitor) was shown to be as effective as indomethacin in closing a PDA 

and cause fewer peripheral side effects on the renal system. Although the use of ibuprofen yields 

better outcomes compared to indomethacin, it is not ideal given the increased risk of pulmonary 

hypertension, systemic vasoconstriction, and long-term adverse side effects[176,177]. In the last 

decade, cardiac catheters have been developed to bridge the gap between invasive surgical 

intervention and drug treatment[178,179]. These devices are long thin tubes that are placed in a 

vein or artery, where they are then threaded to the heart in order to occlude the PDA with a 

biocompatible plug. This technique has been used worldwide and has had some success. However, 

this procedure requires access to first-world healthcare, has an increased risk of breaking through 

the blood vessel wall, and can at times lead to undesired dislocation and biodegradation of the 

implant. Due to the many risks that come with this surgical intervention and existing 

pharmacological treatments, animal models for testing DA-targeted therapies have been developed 

for pre-clinical validation of novel drugs. 

Animal models of PDA have been widely used and have given invaluable information 

regarding disease pathology and intracellular pathways[180]. Specific mouse lines have been 

genetically engineered to have a high prevalence of PDA, making them popular for testing novel 

drug therapeutics. However, the mouse models have a different intracellular mechanism for PDA 

(deletion of Myocd gene) compared to humans (mutations in both MYH11 and ACTA2 

genes)[76]. For these reasons, current models and tools have not led to significant clinical 

translation of new therapies. Therefore, a significant need exists for a new platform to be developed 

for high-throughput screening of novel drug candidates for treating PDA. 
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Herein, we focused on engineering a human ductus arteriosus (hDA) smooth muscle cell-

laden, perfusable artificial artery construct. This engineered artery was perfused in a custom 

bioreactor for extended time periods. The construct was characterized to determine cellular 

alignment with respect to fluid flow through the lumen, protein expression, and matrix mechanical 

properties. Many of the current treatments for PDA are not ideal due to the numerous side effects. 

Therefore, the development of a human-based in vitro system that enables high-throughput 

screening of novel pharmacological therapies in an environment that closely mimics properties 

found in vivo would be of great benefit. 

 

6.3 Methods 

Cell culture 

The human DA (hDA) smooth muscle cells were a kind gift from Dr. Elaine Shelton and 

Dr. Jeff Reese. The cells were maintained in a humidified 5% CO2-containing atmosphere (37°C). 

Culture medium consisted of DMEM supplemented with 10% v/v fetal bovine serum (FBS), 50 

U/mL penicillin and 50 µg/mL streptomycin, all procured from Life Technologies (Carlsbad, CA). 

Bioreactor system fabrication 

To facilitate the perfusion of the artery construct, a round plastic container made of 

polystyrene was used (Ted Pella). A 1/4” hole was drilled through the wall of the plastic container 

using a plastic cutting drill bit (McMaster-Carr, 27465A84, specialized drill bit designed to avoid 

cracking plastic). A 1/16” barbed female Luer bulkhead was threaded with a gasket and mounted 

to the drilled hole using locking nuts (Cole Parmer). Soft silicon tubing (1/16” OD, Cole Parmer, 

1/2” in length) was then placed over the barb in the chamber. The open end of the soft silicon 
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tubing was then fitted with a piece of 1/16” stiff silicon tubing; this tubing was used to mount the 

artificial artery and prevent the construct from disconnecting from the perfusion system. 

Autoclaved Tygon lab tubing (E-3603, 1/16 in. ID × 1/8 in. OD) (Cole Palmer, Vernon Hills, IL) 

was washed 3 times with DI water and connected to the Luer bulkheads, and the bioreactor was 

perfused using a peristaltic pump[126]. 

Hydrogel scaffold fabrication and perfusion 

To create an artificial artery construct, a ¼” ID silicon tube was used to form a mold for 

the outer wall and a 3/32” OD stiff silicon tubing was used to form the inner channel to serve as 

the vessel lumen and perfusion channel (Fig. 6.1).  Female Luer bulkheads with end caps were 

used on each end of the tubing to contain the gelatin scaffold for crosslinking. Cells were 

resuspended in a 10% gelatin solution at a concentration of 10 million cells/mL. Then, 20% 

microbial transglutaminase (mTG) was added to the solution to make a 9:1 ratio of gelatin to mTG. 

The gelatin, mTG and cells were immediately poured in between the 3/32” tube and the ¼” tube, 

the Luer was positioned on the end to prevent leaking, and the entire construct was placed in a 

37°C incubator to allow for crosslinking. After 30 minutes, the construct was removed from the 

tubing, attached to the perfusion system and perfused at 100 µL/min for 7 days (Fig. 6.1B). The 

media was refreshed every 3 days. 

Cell viability 

To assess long term cell viability in the gelatin hydrogels supported by the perfusion 

platform, cell-laden hydrogels were continuously perfused at 100 µl/min for 7 days (“flow” group), 

while control cell-laden gels (with identical geometry) were not perfused (“no-flow” group). On 

the last day of culture, all hydrogels were perfused with 5% v/v Calcein-AM and Sytox Blue for 

one hour (Thermo Fisher, Waltham, MA). Intracellular signals from Calcein and Sytox blue in the 
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flow and no-flow constructs were imaged on a Zeiss 710 confocal microscope (Zeiss Microscopy, 

Munich, Germany). Cell viability was assessed using ImageJ (National Institute of Health, 

Bethesda, MD). 

 

 

Figure 6.1: Artificial artery construct. (A) ¼” inner diameter tubing was used to serve as the outer 

wall and 3/32” inner diameter tubing was used to create the inner channel. Human ductus arteriosus 

cells were mixed into 10% gelatin and crosslinked in the tubing. (B) After the hydrogel was 
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sufficiently crosslinked, the construct was then perfused in a custom bioreactor consisting of a 

stepper motor.  

 

Artificial ductus arteriosus characterization 

For immunofluorescence characterization, perfused hydrogels were fixed in 4% PFA after 

7 days of perfusion. The fixed hydrogels were then washed three times with PBS and then placed 

in a 5% goat serum blocking solution on a rocker overnight. The hydrogels were immunostained 

for nuclear, α-smooth muscle actin conjugate Cy3 (αSMA, ThermoFisher), ZO-2 conjugated 

Alexa Fluor 568 (ThermoFisher). Constructs were imaged on a Zeiss 710 confocal microscope. 

For Western blot analysis, the hydrogel was cut into several small pieces and dissolved in 

Collagenase Type IV (2% W/V) for 1 hour. The resulting dissolved gel-cell mixture was 

centrifuged at 400*g to pellet the cells. The pellet was washed 3 times with DPBS (without 

magnesium or calcium) with centrifugation. The pellet was then resuspended in RIPA buffer 

(Sigma Aldrich) with 1:100 v/v protease and phosphatase inhibitors (Sigma Aldrich) for 5-10 

minutes on ice followed by centrifugation at 12,000*g for 15 minutes at 4C. The supernatant was 

then removed and frozen at -20 °C for future use. 

Protein concentrations were determined using the Pierce BCA Protein Assay Kit 

(ThermoFisher). 10 μg of protein was extracted, and the appropriate amount of RIPA buffer, 

Laemmli buffer (BioRAD), and betamercapto ethanol (Sigma Aldrich) were added to yield a total 

volume of 25 μl. These samples were boiled at 95°C for 5 minutes, then cooled on ice. 4-20% 

Criterion TGX Precast Midi Protein Gels (BioRAD) were pre-run at 70V for 20 minutes in running 

buffer during this boiling and cooling period. Boiled protein samples and appropriate loading 

ladder were added to the gel and was then run at 80V until the protein samples had run down the 

majority of the gels. Gels were then transferred to nitrocellulose membranes on an iBlot 2 dry 
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blotting system (ThermoFisher) according to the manufacturer’s protocol.  The membrane was 

blocked with TBS-based Odyssey blocking buffer (Li-COR Biosciences) for 30 minutes at room 

temperature on a shaker plate. Primary antibodies were dissolved in the Odyssey blocking buffer 

with 0.05% Tween 20 (Sigma Aldrich) at the following concentrations: ZO-2 (1:1000, 

ThermoFisher), Collagen IV (1:1000, ThermoFisher), α-SMA (1:1000, ThermoFisher). Primary 

antibody incubation was performed at 4C overnight on a shaker plate. Membranes were then 

washed with TBS containing 0.05% Tween 20 (3 washes for 5 minutes each on a shaker plate). 

Appropriate Li-COR 800CW secondary antibodies were diluted in TBST at 1:15,000, and then 

incubated on the membranes for 2 hours at room temperature on a shaker plate. Membranes were 

again washed with TBST (3 washes for 5 minutes each on a shaker plate) before being imaged on 

a Li-COR Odyssey scanner, and image processing was performed in the manufacturer’s software. 

Mechanical testing 

The perfused (flow), nonperfused (no-flow), and blank control (no cells) constructs were 

fitted with 1/16” stiff silicon tubing on both openings of the constructs. The silicon tubing was 

then super-glued (Loctite ULTRA Control Gel) to the hydrogel and allowed to cure for 5 minutes 

in a 37°C incubator. Unconfined tensile tests were conducted by using an Instron 5944 materials 

testing system (Instron Corporation, Norwood, MA) fitted with a 50 N load cell (Fig. 6.5). 

Specimen diameter and thickness were measured. A 10 mN preload was applied before each test, 

and each test was performed at a rate of 1mm/minute. The Young’s modulus was subsequently 

extracted from the resulting stress-strain data using the Bluehill software. 
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6.4 Results 

Long-term cell survival 

hDA SMCs were embedded in 3D hydrogel scaffolds and perfused continuously through 

a central channel in the construct (the artery “lumen”). Calcein-AM and Sytox Blue were used to 

quantify cell viability ([Calcein-AM count] / [Calcein-AM + Sytox Blue count]) on days 1 and 7 

(Fig. 6.2A). On Day 1, 91.0% of cells in the perfused constructs were living and 54.9% of cells 

were living in the nonperfused constructs. On day 7, 96.4% of the embedded cells were alive in 

the perfused hydrogel and 50.9% were alive in the nonperfused hydrogel (Fig. 6.2A). 

 

 

Figure 6.2: hDA cells in the perfused 3D constructs were more integrated than the 3D nonperfused 

constructs. (A) Cell viability at 24 hours and 7 days in the perfused artificial artery were 

significantly higher than the 3D nonperfused construct. (B) ZO-2 and αSMC were significantly 

higher expressed than in the 3D nonperfused and 2D control experiment. 

 

Protein expression  

The features of this perfused hydrogel were further characterized by quantification of 

protein expression via Western blot. The data obtained from the perfused hydrogel showed 

significant increases in protein expression in the case of the 3D construct under flow conditions 

relative to 2D hDA cell culture and no-flow 3D construct conditions for all proteins assessed (Fig. 

6.2B, ANOVA p<0.01, post-hoc Tukey test). Protein expression in the 3D, no-flow condition was 
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significantly lower than the 2D condition for ZO-2 and Collagen IV (ANOVA p<0.01, post-hoc 

Tukey test). ZO-2 is indicative of cell-to-cell contact and high levels of αSMA confirms the cells 

maintain their phenotype in the 3D construct.  

Cellular alignment 

In Fig. 6.3, 3D confocal imaging of the inner lumen of the perfused hydrogel showed that 

the cells grew radially around the hydrogel and perpendicular to the direction of flow. Fig. 6.3 

provides a higher magnification image of this inner lumen and alignment. Using the plugin 

Orientationj in Imagej, directionality of cell alignment was quantified. On day 4 of perfusion, the 

hDA SMCs had a 65% (±0.3) perpendicular orientation between the angles of -5 to 5° (Fig. 6.3 A 

and B). In the nonperfused constructs, orientation perpendicular between angles -5 to 5° was at 

16% (±0.3) (Fig. 6.3 C and D). After 7 days of perfusion, the hDA cells had a 97% (±0.2) 

perpendicular orientation between angles -5 to 5° of perpendicular to the flow (Fig. 6.4 E and F). 

In the nonperfused constructs, orientation perpendicular to flow was at 18% (±0.3) alignment 

between the angles 0-5° (Fig. 6.4 G and H).  
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Figure 6.3: Immunofluorescence image of α-smooth muscle actin (αSMA) expression in a cell-

laden hydrogel perfused for 4 days. (A) Confocal imaging of a cross-sectional cut of the artificial 

artery stained against αSMA and DAPI. (B) Higher magnification view of the cells in the inner 

wall of the artificial artery 

 

Mechanical testing for hydrogel stiffness 

Young’s modulus was obtained for each 3D construct condition (flow, no-flow, and blank) 

using tensile testing. The perfused construct had an average of 3.0 kPa (±0.2, n=5) and was 

significantly less stiff than the nonperfused construct (6.3 kPa ± 0.1, n=5, ANOVA p<0.05). The 

blank hydrogel’s stiffness was significantly higher than both the perfused and nonperfused 

constructs (7.8 ± 0.3 kPa, n=5 ANOVA p<0.05). 
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Figure 6.4: 3D constructs under pulsatile perfusion align perpendicular to the direction of flow, 

similar to the in vivo system. (A-B) Day 4 perfused constructs were stained for αSMA for 

quantification of directionality of the cells. (C-D) The 4 day no flow was stained for αSMC and 

quantified, however the cells did not have an orientation. Day 7 perfused constructs showed a high 

degree of alignment (E-F), while the no flow condition was randomly oriented and more round in 

shape.  

 

 

6.5 Discussion 

Despite the high morbidity rate associated with persistent PDA, there has been relatively 

little progress in novel therapeutic approaches to inducing DA closure[177]. This lack of progress 

has driven the need for new technologies for high-throughput screening of potential therapeutics. 

In the present study, a bioreactor was developed for perfusing the central channel of a hDA SMC-

laden tubular hydrogel. To the best of our knowledge, this is the first artificial construct for 

modeling the human ductus arteriosus. 
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Figure 6.5: Mechanical testing of the perfused cell laden hydrogel was softer than the no perfusion 

and the blank hydrogel. (A) Representative image of the tensile test between the two Instron grips 

for the hDA perfusion channels. (B) Perfused constructs were significantly weaker than the 

nonperfused channels and black controls.  

 

There are multiple protocols for generating SMC-laden 3D constructs for perfusion studies. 

For example, decellularized donor tissue has been used to enzymatically decellularize the artery, 

then repopulate the construct with new cells. Another example is the use of monolayer sheets of 

cells rolled into a tubular shape to create a perfusable construct [33,79,181]. While each of these 

studies have been proven to be effective at integrating vascular cells, human ductus arteriosus cells 

have never been introduced into a 3D perfusable construct. In our system, we successfully 

engineered an artificial artery construct that could be imaged for cell growth and integration of 

human cells in the system over time frames relevant to the time scale for healthy DA closure in 

infants. hDA SMCs were embedded into a tubular hydrogel system and perfused using a peristaltic 

pump. After 24 hours of perfusion, most of the cells embedded in the perfused construct had 

survived in the hydrogel (91.0%), while the nonperfused constructs only had 54.8% cells living. 

* 
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On the 7th day, 96.5% of the embedded cells in the perfused construct were alive and the 

nonperfused had 50.9% living (Fig. 6.2 A). Another marker for healthy SMCs is the expression of 

ZO-2 and αSMC[182]. It is known that in arterial cells upregulation of ZO-2 and αSMC (a tight-

junction marker and structural protein, respectively) are increased when cells are proliferating. In 

our experiments, the cells in the 2D culture and nonperfused constructs expressed significantly 

lower ZO-2 and αSMC compared to the perfused constructs (Fig. 6.2 B). These results, in 

conjunction with the day 7 live/dead staining, show that the perfused constructs were overall 

healthier.  Moreover, in perfused constructs but not in nonperfused constructs, hDA SMCs align 

perpendicular to the direction of perfusion. 

Imaging on day 4 revealed alignment perpendicular to the direction of flow in the perfused 

constructs (Fig. 6.4 A-B), while the no flow control did not seem to align in any particular direction 

(Fig. 6.4 C-D). This was quantitatively confirmed using ImageJ. In the perfused constructs 65% 

of the cells were aligned perpendicular to the direction of flow (between -5 to 5°; 0° being perfectly 

perpendicular) while the nonperfused constructs were randomly oriented or circular in shape. On 

day 7, in the perfused construct there was near complete confluence of cells and nearly all the cells 

were aligned perpendicular between the angles of -5 to 5° (Fig. 6.4 E-F). However, the nonperfused 

constructs were not nearly as confluent, and cells exhibited no preferred alignment (Fig. 6.4 G-H). 

There are several factors that may be contributing to cell survival and perpendicular alignment 

under perfusion. It is known that SMCs are mechano-sensitive and respond to extracellular stimuli, 

one of which is pulsatile flow[183–186]. This flow is sensed as cyclical stretching and relaxing 

due to the pulsatile effects on the matrix. In normal physiology, flowing blood is a pulsatile process 

that causes smooth muscle cell to display a contractile phenotype. It has been shown that smooth 

muscle cells respond by aligning circumferentially in tubular scaffolds[187,188]. This alignment 
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allows for the SMCs to constrict/dilate when necessary. In a constant flow environment (without 

pulsatile perfusion), SMCs change phenotype to become synthetic SMCs; this is a component of 

atherosclerosis or arterial wall hardening [189]. In this study a peristaltic pump is used to create 

pulsed waves while pumping. Thus, the high degree of alignment in the perfused compared to the 

nonperfused is most likely due to the mechanical stimulation from the peristaltic pumping[79].   
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CHAPTER 7 

 

SYNOPSIS AND FUTURE DIRECTIONS 

 

7.1 Summary 

In Aim 1, an inexpensive perfusion system was developed to meet the unique demands of 

perfusing 3D tissue constructs that are much more physiologically relevant than monolayer cell 

culture. The perfusion system provides a reliable pumping platform that can be programmed to 

schedule and run multiple motors at various speeds and enables scalable perfusion of large, 3D 

constructs. Importantly, we demonstrated the ability to perfuse multiple, separate channels inside 

cell-laden hydrogel slabs, and cell viability was sustained over several weeks. Additionally, using 

this perfusion system we were able to create and validate a computational model for spatially and 

temporally varying delivery of soluble factors to cells in a 3D hydrogel scaffold via the embedded 

perfusion channels. 

In Aim 2, the effect of creating opposing gradients of morphogens to induce a spectrum of 

differentiation of MSCs in a 3D hydrogel scaffold was investigated. Using the pump perfusion 

system and two isolated parallel channels, BMP-2 and TGFβ1 were used to create a spectrum of 

differentiation into osteocytes and chondrocytes, respectively. Additionally, we demonstrated 

spatial control over the gradient of differentiation by varying the concentration of TGFβ1 delivered 

via perfusion channels. 

Finally, Aim 3 demonstrated the versatility of a unique biomaterial with mechanical 

properties enabling patterning (i.e. perfusion channels) and capable of supporting the formation of 
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neuronal networks.  This material is thus promising as a component of platforms to study 

neurological diseases. The peptide N-cadherin, which is known to promote synaptic formation and 

plasticity, was conjugated to GelMA. The addition of this extracellular marker, in combination 

with the naturally present RGD motif, enabled long term (relative to prior strategies) single neuron 

cell viability in a hydrogel and the formation of interconnected neuronal networks, results that 

have been previously unattainable. This material may yield new insight regarding neuronal 

pathophysiology and drug discovery of new compounds for a wide range of neurological disease. 

Additionally, Aim 3 demonstrated the development of a perfusable, SMC-laden construct 

to model the human ductus arteriosus. Over the course of a week, the embedded hDA SMCs 

aligned perpendicular to the direction of perfusion, similar to architecture seen in vivo. This new 

system has the potential to facilitate rapid screening of drug candidates for treating patent ductus 

arteriosus, a critical need for addressing a prevalent and common congenital heart defect.  

Together, these studies show that the combination of a new pump perfusion system and 

novel biomaterials can be applied to a wide range of applications to address current gaps in tools 

used for biological studies. Additionally, these tissue construct approaches may be applied to study 

more relevant in vitro models of neurological and arterial diseases to evaluate disease progression, 

drug efficacy and screening of novel therapeutics.  

 

7.2 Limitations 

The pump perfusion system has been successfully applied to support perfusable hydrogel 

constructs and is more equipped to meet unique user demands compared to the expensive 

commercial systems. However, it should be noted that this system requires a non-trivial amount 

of time to build and assemble. The total time to construct the pump perfusion system is 
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approximately 24 hours, including the time to 3D print the housing unit, pumpheads and stepper 

motor brackets. This time also includes soldering, crimping and programming, which for 

inexperienced users would likely take more time in the process of assembling the unit.  While the 

required level of prior knowledge of electronics and CAD software is low, soldering and 

understanding the basics of electronics is necessary.  

The hydrogel platforms developed in this work also have some limitations. First, the gelatin 

hydrogel with embedded perfusion channels developed for spatiotemporal control of morphogen 

delivery used only two parallel channels (Chapter 4). More complex geometries would be useful 

for additional presentation of factors to control stem cell fate. Additionally, the computational 

diffusion model requires input of a measured diffusion coefficient using methods such as Raman 

microscopy or confocal microscopy. Many molecules of interest, including BMP-2 and TGFβ1, 

are not detectable with either of these methods so it is a challenge to determine the diffusion 

coefficient of the morphogens themselves in specific hydrogels. However, one strategy to 

overcome this limitation is to find molecules of similar size and charge that are Raman active or 

fluorescent.  

As mentioned in Chapter 5, the GelMA-Cad hydrogel has the potential to support 

embedded perfusion channels and single cell neurons. However, this work was focused on the 

development and characterization of the material and survival of single cell neurons; perfusion 

channels have not been incorporated into cell laden GelMA-Cad hydrogels. Data from Chapters 4 

and 5 indicate that this next step is achievable.  

Finally, the artificial artery construct described in Chapter 6 has a few limitations. First, 

the human ductus artery is a multilayered vessel that has multiple cell types. Our system contains 

only one cell type (SMCs) and does not have the ordered layering present. While this study is 
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intended as a proof of concept for studying hDA cells in a 3D perfusable matrix (which is more 

physiologically relevant than 2D culture), the addition of a layer of endothelial cells lining the 

inner lumen of the “vessel” would provide an additional level of physiological similarity. Second, 

the size of the current construct is larger than that of the native vessel. The human ductus arteriosus 

in a 34-week gestational stage is approximately 3.49mm in diameter. This is a significantly smaller 

diameter than that of our in vitro model (6.35mm diameter). An hDA hydrogel construct with a 

diameter more similar to that of the native vessel would likely improve the future characterization 

of the functional response to drugs that are meant to constrict and occlude the ductus arteriosus. 

  

7.3 Future Directions  

The limitations described in 7.2 can be addressed with several future studies. First, the 

perfused hydrogel construct with spatiotemporal control of morphogen presentation can be 

expanded to include different cell types and more complex channel geometries. These 

modifications would allow for differentiation of stem cells into other, more spatially complex 

tissues. Current techniques for creating multi-cellular organoids often include fusing two spheroids 

together. This state-of-the-art technique is limited by the small surface area of the spheroids. Thus, 

limiting the available space to fuse multiple organoids together to generate multiple region-specific 

areas (like that found in the neural tube). In the system developed in Chapter 4, a 4-channel 

structure could be patterned in the hydrogel to direct morphogen delivery for an in vitro model of 

neural tube formation. In the top and bottom channel, the anterior-posterior axis can be generated 

through opposing gradients of RA and FGF. These morphogens could be delivered in the two 

isolated channels to induce a gradient of differentiation, much like what is seen in the developing 

neural tube. In the other two channels, the dorso-ventral axis, opposing gradients of SHH and BMP 
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can be generated to induce differentiation into the notochord and the floor plate, respectively. 

Applying this system to develop more complex gradients would advance the field of stem cell 

differentiation and deepen our understanding of the stem cell niche.  

The next step for the GelMA-Cad biomimetic hydrogel in neuronal network research is to 

introduce disease pathology to the system. For example, an unanswered question in Alzheimer’s 

disease pathology is how amyloid beta propagates and spreads throughout the brain. To date, the 

ability to observe this phenomenon in vitro in a neuronal network within which individual cells 

and axons can be distinguished has been unobtainable. Current attempts to embed single cell iPSC 

derived neurons in 3D networks have used Matrigel, silk and hyaluronic acid. In each of these 

systems, single cell neurons migrate towards each other and create large cell masses. This 

migration and growth does not allow the real-time visualization of disease progression. There has 

been progress in the use of neural organoids to study disease pathology; however, the same issue 

with the aforementioned biomaterials still exists: individual neurons/axons cannot be distinguished 

within the confluent organoid. Here we have demonstrated that we can support single cell seeding 

and the formation of a neuronal network upon which disease studies can be performed and results 

can be obtained with single cell resolution. Future studies would incorporate the use of our novel 

biomaterial for the single cell suspension, neuronal network formation and incorporation of disease 

pathology. In neurobiology studies, Nanoject devices have been used to deliver nanoliter amounts 

of substances. In these future studies, the use of this technology to deliver amyloid beta or tau to 

single cell neurons would enable users to track the disease progression using non-destructive and 

noninvasive imaging techniques. Additionally, with the use of the image analysis software applied 

to the neuronal network in this thesis, users would be able to quantify real time changes in cell 
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body counts, axon diameter, and axon length. Such tools would benefit the field of neuroscience 

by enabling users to visualize the progression of disease and gain insight into disease propagation.  

Future work with hDA cell laden hydrogel constructs developed in this thesis should 

incorporate the concentric seeding of other cell types, such as endothelial cells, and the reduction 

of the construct diameter. Many existing microfluidic devices incorporate monolayers of 

endothelial cells in the perfusion channel with smooth muscle cells embedded in a 3D matrix 

around the endothelial cells. These smaller constructs are closer in diameter to the native human 

DA than the hydrogel construct developed in this thesis. However, in these devices the embedded 

smooth muscle cells do not orient perpendicular to the direction of flow which is a characteristic 

of the current construct that mimics the native vessel. In combination with incorporating multiple 

cell layers, decreasing the construct diameter and introducing pulsatile perfusion are the next steps 

for increasing the physiological relevance of our in vitro hDA model and strengthening its utility 

as a basic science tool and drug screening platform.  

 

7.4 Conclusion 

An engineered system that models diffusion and allows for dynamic, user-controlled 

delivery of multiple morphogens has been developed in this dissertation to overcome current 

constraints to manipulate cell fate in a large 3D system. Additionally, this work describes an 

innovative bioinstructive material that allows for single cell neuronal suspension in a perfusable 

construct. This biomaterial has allowed for the visualization, growth and quantification of single 

cell bodies and axons in a 3D environment and can serve as a platform for modeling disease 

progression. Finally, this work describes the embedding of human ductus arteriosus cells in a 

perfusable construct that induces the smooth muscle cells to align perpendicular to the direction of 
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flow and constricts similarly to the in vivo artery. This system can be used to develop new drug 

therapies for patent ductus arteriosus.  
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