
 

 

Designing Scaffolds for Directed Cell Response in Tissue Engineering Scaffolds 

Fabricated by Vat Photopolymerization 

 

 

 

Nicholas A. Chartrain 

 

 

 

 

 

Dissertation submitted to the faculty of the Virginia Polytechnic Institute and State 

University in partial fulfillment of the requirements for the degree of 

 

Doctor of Philosophy 

In 

Materials Science and Engineering 

 

 

 

 

 

Christopher B. Williams, Co-Chair 

Abby R. Whittington, Co-Chair 

Timothy E. Long 

E. Johan Foster 

Rayne X. Zheng 

 

 

 

 

 

10 June 2019 

Blacksburg, VA 

 

Keywords: Additive Manufacturing, 3D Printing, Tissue Engineering, 

Regenerative Medicine, Biomaterials 

 

 

 

 

 

 

 

 

Copyright 2019 Nicholas A. Chartrain



 

 

 

Designing Scaffolds for Directed Cell Response in Tissue Engineering Scaffolds 

Fabricated by Vat Photopolymerization 

  

Nicholas A. Chartrain 

 

ABSTRACT 
 

Vat photopolymerization (VP) is an additive manufacturing (AM) technology that 

permits the fabrication of parts with complex geometries and feature sizes as small as a 

few microns. These attributes make VP an attractive option for the fabrication of scaffolds 

for tissue engineering. However, there are few printable materials with low cytotoxicity 

that encourage cellular adhesion. In addition, these resins are not readily available and must 

be synthesized. A novel resin based on 2-acrylamido-2-methyl-1-propanesulfonic acid 

(NaAMPS) and poly(ethylene glycol) diacrylate (PEGDA) was formulated and printed 

using VP. The mechanical properties, water content, and high fidelity of the scaffold 

indicated promise for use in tissue engineering applications. Murine fibroblasts were 

observed to successfully adhere and proliferate on the scaffolds. 

The growth, migration, and differentiation of a cell is known to dependent heavily 

on its microenvironment. In engineered constructs, much of this microenvironment is 

provided by the tissue scaffold. The physical environment results from the scaffoldôs 

geometrical features, including pore shape and size, porosity, and overall dimensions. Each 

of these parameters are known to affect cell viability and proliferation, but due to the 

difficulty of isolating each parameter when using scaffold fabrication techniques such as 

porogen leaching and gas foaming, conflicting results have been reported. Scaffolds with 

pore sizes ranging from 200 to 600 µm were fabricated and seeded with murine fibroblasts. 

Other geometric parameters (e.g., pore shape) remained consistent between scaffold 



 

 

designs. Inhomogeneous cell distributions and fewer total cells were observed in scaffolds 

with smaller pore sizes (200-400 µm). Scaffolds with larger pores had higher cell densities 

that were homogeneously distributed. These data suggest that tissue scaffolds intended to 

promote fibroblast proliferation should be designed to have pore at least 500 µm in 

diameter. 

Techniques developed for selective placement of dissimilar materials within a 

single VP scaffold enabled spatial control over cellular adhesion and proliferation. The 

multi-material scaffolds were fabricated using an unmodified and commercially available 

VP system. The material preferences of murine fibroblasts which resulted in their 

inhomogeneous distribution within multi-material scaffolds were confirmed with multiple 

resins and geometries. These results suggest that multi-material tissue scaffolds fabricated 

with VP could enable multiscale organization of cells and material into engineered 

constructs that would mimic the function of native tissue. 
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GENERAL AUDIENCE ABSTRACT  
 

Vat photopolymerization (VP) is a 3D printing (or additive manufacturing) 

technology that is capable of fabricating parts with complex geometries with very high 

resolution. These features make VP an attractive option for the fabrication of scaffolds that 

have applications in tissue engineering. However, there are few printable materials that are 

biocompatible and allow cells attachment. In addition, those that have been reported cannot 

be obtained commercially and their synthesis requires substantial resources and expertise. 

A novel resin composition formulated from commercially available components was 

developed, characterized, and printed. Scaffolds were printed with high fidelity. The 

scaffolds had mechanical properties and water contents that suggested they might be 

suitable for use in tissue engineering. Fibroblast cells were seeded on the scaffolds and 

successfully adhered and proliferated on the scaffolds. 

The growth, migration, and differentiation of cells is influenced by the 

environmental stimuli they experience. In engineered constructs, the scaffold provides 

many of stimuli. The geometrical features of scaffolds, including how porous they are, the 

size and shape of their pores, and their overall size are known to affect cell growth. 

However, scaffolds that have a variety of pore sizes but identical pore shapes, porosities, 

and other geometric parameters cannot be fabricated with techniques such as porogen 

leaching and gas foaming. This has resulted in conflicting reports of optimal pore sizes. In 

this work, several scaffolds with identical pore shapes and porosities but pore sizes ranging 

from 200 µm to 600 µm were designed and printed using VP. After seeding with cells, 
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scaffolds with large pores (500-600 µm) had a large number of evenly distributed cells 

while smaller pores resulted in fewer cells that were unevenly distributed. These results 

suggest that larger pore sizes are most beneficial for culturing fibroblasts. 

Multi -material tissue scaffolds were fabricated with VP by selectively photocuring 

two materials into a single part. The scaffolds, which were printed on an unmodified and 

commercially available VP system, were seeded with cells. The cells were observed to 

have attached and grown in much larger numbers in certain regions of the scaffolds which 

corresponded to regions built from a particular resin. By selectively patterning more than 

one material in the scaffold, cells could be directed towards certain regions and away from 

others. The ability to control the location of cells suggests that these printing techniques 

could be used to organize cells and materials in complex ways reminiscent of native tissue. 

The organization of these cells might then allow the engineered construct to mimic the 

function of a native tissue. 
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Chapter 1. Introduction 
 

1.1 Background and Motivation 

The field of Tissue Engineering and Regenerative Medicine (TERM) has tremendous potential to 

change the way we treat disease, heal traumatic injuries, and age. By combining cells, a three-

dimensional template on which to grow the cells, and the right stimuli, scientists, doctors, and 

engineers envision ógrowingô tissue and even entire organs. Tissues created from a patientôs own 

cells would not require lifelong use of immunosuppressants, which is currently required of patients 

who have received an organ transplant. The organ transplant waiting would dramatically reduce 

in length and hundreds of thousands or millions of people would experience improved quality of 

life. Despite media reports that might suggest otherwise, substantial challenges that have persisted 

for nearly three decades have hampered progress towards these goals, particularly efforts to 

engineer thick tissue (e.g., liver, kidney). The complexity of biological systems is astounding and 

even overwhelming when considering the task of reverse engineering them. Many cell types, 

material properties, and biochemical molecules are found within a single tissue, and the locations 

and interactions between each of these can determine the extent to which the tissue provides 

function. Manufacturing techniques developed for 3D scaffold fabrication have proved inadequate 

for the precise placement of cells, material, and chemical cues required for engineering thick tissue. 

Perhaps the most challenging task in selective cell and material placement is the incorporation of 

a vascular (capillary) network that delivers oxygen and nutrients to every cell. In the human body, 

most cells must be within 200 µm (twice the thickness of a hair) of a capillary to receive sufficient 

oxygen and nutrients to sustain them. Engineering such complex structures requires a paradigm 

shift towards innovative manufacturing techniques that can mimic the complexity of nature. 
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Additive Manufacturing (AM), commonly referred to as 3D printing, encompasses a variety of 

technologies that fabricate parts from many different materials and in many different ways. 

However, each technique fabricates parts in an additive (as opposed to subtractive) manner, 

typically in a layer-by-layer fashion. Several AM methods have been used to fabricate constructs 

for use in tissue engineering. One of these technologies, vat photopolymerization (VP, and 

commonly referred to as Stereolithography, SLA, or resin printing) uses ultraviolet light to 

polymerize a photosensitive liquid monomer, creating a solid polymer. Exposing select areas of a 

thin layer of photopolymer to light in a layerwise fashion allows for the fabrication of 3D parts 

with complex geometries and very high resolution (features on the order of 3-200 µm depending 

on system configuration). The resolution and geometric complexity offered by VP make it an 

excellent candidate for fabricating biomimetic structures. However, drawbacks of VP include the 

small number of printable biocompatible materials, a lack of design rules to guide the fabrication 

of scaffolds that can support live, functioning cells at high densities, and a very limited ability to 

direct the growth or placement of multiple cell types or materials within a single printed construct. 

New materials, knowledge, and techniques that address each of these drawbacks of VP will help  

scientists, engineers, and doctors to engineer structures that may one day provide a means of 

fabricating patient-specific tissues. 

 

1.2 Research Objectives and Approach 

The overall goal of the work presented herein is to provide a greater understanding of the 

interactions that take place between cells and tissue scaffolds fabricated using VP, particularly 

with respect to the scaffold material and geometry. Results obtained from this work are expected 
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to help overcome the challenges facing the use of VP for fabricating tissue scaffolds identified in 

Section 1.1 (Background and Introduction). 

 

1.2.1 Research Aim #1: Polymeric Materials for Tissue Scaffold Fabrication with Vat 

Photopolymerization 

Research Gap #1 

A large number of resins are commercially available from many vendors for use in VP systems. 

Several are even suitable for biomedical applications (e.g., surgical guides, dental splints) and have 

Class I or Class IIa biocompatibility certification. However, no resins are marketed for VP of tissue 

scaffolds. Commercial resins with low cytotoxicity inhibit cellular adhesion, an essential property 

of a suitable tissue scaffolding material. The literature contains a growing number of reports of 

resins that have been used to fabricate tissue scaffolds with VP and cultured with mammalian cells 

(see Chapters 2 and 3). Unfortunately, because these resins are not sold commercially, their major 

component(s) must be synthesized. Synthesis of photocurable polymers typically requires a well-

equipped wet lab, more than a dozen reagents, and substantial expertise in polymer synthesis. In 

addition, synthesis and purification can take a week or longer. Finally, some of the resulting resins, 

especially those based on natural polymers that must be dissolved in substantial quantities of water, 

yield poor resolution and 3D printing results because water does not absorb UV light, making it 

difficult to fabricate thin layers. It is clear that new resin development is needed to produce resins 

that can be formulated without polymer synthesis, that allow high resolution VP printing, that have 

low cytotoxicity, and that encourage cell adhesion. 
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Development Objective #1 

Develop a resin using commercially available components (zero-synthesis) with properties 

suitable for the fabrication of tissue scaffolds using VP. 

 

To fulfil l Development Objective #1, the resin must demonstrate the following properties: 

- Formulation from monomers, oligomers, photoinitiators, UV absorbers, and other 

components that can readily be obtained by the typical university or research laboratory 

- Sufficient mechanical strength after irradiation to permit the fabrication of self-supporting 

layers and 3D parts 

- Sufficiently low viscosity to allow the recoating of thin layers of resin (< 5 Pa s) 

- Rapid photocuring (< 60 s) of thin layers (< 100 µm) with a VP system with a UV light 

intensity between approximately 3 and 30 mW/cm2. 

- Fabrication of 3D parts with suitable resolution for tissue engineering (i.e., features smaller 

than 200 µm) 

- Low cytotoxicity and good cell adhesive properties demonstrated through a cell viability 

test showing an increase in cell proliferation over time on scaffolds 

Development of a resin which fulfills these design requirements will allow for exploration of the 

impact the resin component has on the overall resinôs suitability for the fabrication of tissue 

scaffolds. The results obtained during resin design and formulation will aid in answering 

Supplemental Research Question #1.1. 

Supplemental Research Question #1.1 

How does the NaAMPS-based resinôs composition impact its printability and print resolution? 
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The successful development of a zero-synthesis resin that can be used to fabricate high resolution 

tissue scaffolds that demonstrate low cytotoxicity and good cell adhesive properties is expected to 

stimulate additional research into the use of VP for tissue scaffolds fabrication. In addition, an 

understanding of how the resinôs composition can be tuned to improve or simply allow printing 

with VP will be acquired. 

 

1.2.2 Research Aim #2: Effects of Scaffold Pore Size on Cell Adhesion and Proliferation 

Research Gap #2 

Tissue scaffolds aim to mimic the microenvironment experienced by cells in vivo in an effort to 

encourage cellular proliferation and the development of functionality (e.g., the formation of bone 

to provide skeletal support). The geometric parameters of the scaffold, including its overall size, 

the size and shape of its pores, its permeability, and its porosity, have substantial effects on cell 

growth. For example, in scaffolds with small pores, the diffusion of nutrients, oxygen, and cells 

into the center of the scaffold is low. High availability of oxygen and nutrients at the surface of 

the scaffold can induce rapid growth and the deposition of extracellular matrix, which further 

inhibits the movement of oxygen into the scaffoldôs center. A necrotic region can form at the core 

of the scaffold due to insufficient oxygen concentration. Although methods such as reducing 

scaffold thickness or culturing the scaffold with a perfusion bioreactor can help alleviate oxygen 

gradients, these have limited clinical relevance and/or associated challenges (e.g., scalability). 

 

Previous work has studied the effects of many scaffold parameters on cell response using scaffolds 

fabricated with a variety of traditional means (e.g., gas foaming, particulate leaching). However, 

no consensus on the most optimal pore size exists in the literature. The limits imposed by 
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traditional scaffold fabrication technologies have prevented the study of relatively large pore sizes 

as well as the comparison of scaffolds with different pore sizes but otherwise identical geometric 

parameters. Due to their ability to fabricate a wide variety of geometries from digital models, AM 

technologies allow for a broader and more robust investigation into the effects of a scaffoldôs pore 

size on cells. Unlike scaffolds fabricated by traditional means or VP, bioprinting techniques (e.g., 

extrusion and inkjet bioprinting) incorporate cells in situ, trapping them in their printed locations. 

Cells are typically seeded after printing of scaffolds fabricated using VP, offering a more suitable 

AM technology for studying the effects of pore size on cell growth, proliferation, and distribution. 

Surprisingly, only a few studies have sought to understand the effects of pore size on cells in VP-

fabricated scaffolds. Most notably, work by Melchels et al. showed that pore size can result in 

oxygen concentration gradients (see Section 4.2). Unfortunately, the effects of pore size on cell 

proliferation and resulting cell distribution within VP-fabricated scaffolds are not yet well 

understood. Gaining a broader understanding of pore size effects in scaffolds fabricated with VP 

is the subject of Research Question #2. 

 

Research Question #2 

How does pore size in a tissue scaffold fabricated with VP impact cell proliferation and cell 

distribution within the scaffold? 

 

A systematic study in scaffolds with a variety of pore sizes but identical size, porosity, pore shape, 

and other geometric parameters will provide researchers with a more lucid understanding of the 

effects of pore size. The data generated (Chapter 4) will allow for more rational evidence-based 

tissue scaffold designs that will aid in optimizing cellular proliferation and distribution. 



7 

 

1.2.3 Research Aim #3: Multi -Material Tissue Scaffolds 

Research Gap #3 

Vascularization is often cited as the greatest challenge facing tissue engineering, despite decades 

of work aimed at generating vasculature in tissue engineering constructs. In thick tissue constructs, 

the diffusion of nutrients and oxygen into the center of the construct is insufficient to maintain cell 

viability. Many successes in tissue engineering have been focused on the fabrication of 

unvascularized flat or tubular tissue constructs in which each cell is only a few hundred microns 

from a surface from which nutrients and oxygen can diffuse. However, many of the tissues which 

provide essential functions are thick tissues (e.g., kidney, liver, muscle) and require a vascular 

network to provide the requisite oxygen and nutrients. Vascularization requires an inhomogeneous 

distribution of cells, i.e., a tubular network through which blood can flow to deliver oxygen and 

nutrients to all cells within a construct. For a tubular network that mimics vasculature to continue 

to function and permit the movement of oxygen and nutrients throughout the scaffold, its tubes 

must remain free of obstruction caused by cells or their extracellular matrix (ECM). In thicker 

tissue scaffolds made from a single material, cells typically proliferate sufficiently such that pores 

become blocked and the diffusion and perfusion of nutrients and oxygen is impeded. Thus, to 

create vasculature, as well as multi-cellular tissues whose function relies in part on the arrangement 

of their cell types with respect to one another, it becomes necessary to control how cells spatially 

arrange themselves in the tissue scaffold onto which they are seeded. Several methods might be 

envisioned for the spatial patterning of cells in VP-fabricated tissue scaffolds, including the in situ 

patterning of cells, however, doing so ótrapsô them in place in the photopolymer matrix, impeding 

their movement and proliferation. Nor does this technique guarantee that the original location of 

cell types will be preserved. However, controlling cell-scaffold interactions with dissimilar 
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material properties within a scaffold (e.g., cell adhesion properties, biochemical differentiation 

factors) may permit the spatial adhesion and proliferation of cells in a tissue scaffold. The overall 

research goal of the work conducted was to gain a greater understanding in how scaffold designs 

impact cell response in tissue scaffolds fabricated by VP and how this knowledge can be leveraged 

to engineer designed responses and direct cell growth and proliferation 

 

Research Question #3 

How can multiple dissimilar materials be used to spatially control cell adhesion and proliferation 

in porous tissue scaffolds fabricated with VP? 

 

The ability to spatially control cell adhesion and proliferation through multiple materials first 

requires the fabrication of multi-material parts with VP. A few groups have developed systems 

capable of multi-material parts with VP, but these are neither common nor commercially available. 

To answer Research Question #3, it is necessary to develop a system or techniques through which 

multi-material scaffolds can be fabricated. 

 

Development Objective 3.1 

Develop a system or techniques through which VP can be used to fabricate multi-material parts. 

 

The fabrication of multi-material parts is further complicated by the need to use photopolymers 

with properties suitable for biomedical applications. Such materials may be hydrogels, whose large 

quantities of water will lower the density of photopolymerizable groups, increase the resinôs depth 

of penetration, and permit substantial swelling of printed parts. In addition, any additives (e.g., 
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photoinitiator, photo absorber) must not impart adverse properties to the resin, such as cytotoxicity. 

Understanding the interactions between materials with dissimilar properties and their interaction 

on the multi-material fabrication process will be crucial for the successful fabrication of multi-

material tissue scaffolds. 

 

Supplemental Research Question 3.2 

What are the material considerations for fabricating multi-material tissue scaffolds with VP? 

 

The development of a system capable of fabricating multi-material tissue scaffolds with suitable 

materials will enable spatial control over cell adhesion and proliferation in VP-fabricated 

structures. This would be a significant step towards creating more complex tissue engineering 

constructs with naturally-inspired multiscale structures that mimic vascularization or even provide 

the function of multi-cellular tissues. 

 

 

1.3 Dissertation Overview 

The efforts described in this dissertation aim to address the three drawbacks of VP identified in 

the motivation for this work. A more extensive review of the application of VP in tissue 

engineering contexts is presented in Chapter 2. The formulation, 3D printing, and characterization 

of a novel resin formulation designed for the fabrication of tissue scaffolds with VP is described 

in Chapter 3. Excellent adhesion and growth of fibroblasts (cells found in connective tissue) was 

observed on 3D parts printed from the resin. In contrast with other resins reported in the literature, 

the resin we have developed is formulated from inexpensive and readily available components that 

are simply mixed together. A lengthy synthesis, which often requires substantial expertise in 
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polymer chemistry, is thus avoided. Chapter 4 investigates the role of scaffold geometry, 

specifically pore size, on fibroblast growth and proliferation. Understanding how scaffold 

geometry affects cell density and distribution is essential for generating design guidelines for 

engineered constructs that will encourage tissue formation. Finally, the 3D printing of multi-

material tissue scaffolds is described in Chapter 5. Our results show that the locations where cells 

adhere and grow in a scaffold can be controlled through the selective placement of dissimilar 

materials. The 3D printed constructs demonstrated in this chapter show potential for the fabrication 

of tubular network within a scaffold to mimic the structure and function of vasculature. 
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2.1 Abstract 

Vat Photopolymerization (stereolithography, SLA), an Additive Manufacturing (AM) or 3D 

printing technology, holds particular promise for the fabrication of tissue scaffolds for use in 

regenerative medicine. Unlike traditional tissue scaffold fabrication techniques, SLA is capable of 

fabricating designed scaffolds through the selective photopolymerization of a photopolymer resin 

on the micron scale. SLA offers unprecedented control over scaffold porosity and permeability, as 

well as pore size, shape, and interconnectivity. Perhaps even more significantly, SLA can be used 

to fabricate vascular networks that may encourage angio and vasculogenesis. Fulfilling this 

potential requires the development of new photopolymers, the incorporation of biochemical factors 

into printed scaffolds, and an understanding of the effects scaffold geometry have on cell viability, 
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proliferation, and differentiation. This review compares SLA to other scaffold fabrication 

techniques, highlights significant advances in the field, and offers a perspective on the fieldôs 

challenges and future directions. 

 

2.2 An Introduction to Tissue Scaffolds 

The goal of tissue engineering is to bring together cells, tissue scaffolds, and a combination of 

electrical, mechanical, or chemical cues to stimulate the repair or regeneration of tissue. A tissue 

scaffold is a structure that promotes cell adhesion and the diffusion of nutrients and waste. The 

scaffold provides mechanical integrity to the tissue engineering construct and can also serve as a 

delivery vehicle for chemical factors. Tissue scaffolds have received significant attention by both 

the research and medical communities in the past two decades. Recent successes include the 

successful engineering of bladders and blood vessels using tissue scaffolds. However, traditional 

tissue fabrication techniques have limitations that have impeded their use in clinical settings, 

particularly for the regeneration of solid tissue. New techniques, particularly Additive 

Manufacturing (AM, also referred to as 3D Printing) technologies, are poised to solve these 

limitations and fabricate more complex scaffolds to allow for the engineering of solid tissue. The 

goal of this review is to first introduce the reader to traditional and AM scaffold fabrication 

techniques. The bulk of this review will then focus on apprising the reader of current research and 

provide a perspective on the use of Vat Photopolymerization (stereolithography, SLA) for the 

fabrication of complex tissue scaffolds.  

 

2.2.1 The Need for Replacement Tissue and Tissue Engineering 
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In the United States alone, nearly a hundred and twenty thousand patients are currently awaiting 

organ transplants, yet less than thirty thousand transplants are performed each year [1]. Kidney 

transplant requests account for more than one hundred thousand of the patients on the organ donor 

transplant list [2]. There is a chronic shortage of organs available for transplant and many patients 

must wait several years for a transplant [1]. Part of the difficulty is finding an organ available for 

transplant that is compatible with the patient. The compatibility includes factors such as blood 

type, donor and recipient body size, and distance between the donor and recipientôs hospitals. The 

patients that do receive organ or tissue transplants must take immunosuppressant drugs to prevent 

an immune response to the transplanted tissue [3]. These drugs have a variety of side effects and 

make patients more susceptible to infection. 

 

The number of patients awaiting organ transplants present a daunting challenge, but even they do 

not account for the entire demand for replacement tissue. Millions of people suffer from tissue 

disease or death such as skin burns, torn ligaments, and cartilage degeneration. Although the 

people who suffer from these diseases are often not on the organ transplant list, they could 

nevertheless benefit from receiving replacement tissue. Engineered products are able to help some 

of these patients, such as those with severe burns, but most must rely on conventional therapies or 

drugs [4, 5]. 

 

2.2.2 Clinical Applications of Tissue Engineering 

Tissue engineering and regenerative medicine are both relatively new disciplines, yet significant 

advances have been made in treating damaged or diseased tissue in the past two to three decades 

[6, 7]. As an example, Wake Forest Institute for Regenerative Medicine (WFIRM), led by Anthony 
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Atala and James Yoo, has successfully engineered and implanted a variety of tissue scaffolds in 

patients. Atala et. al. engineered bladders for human patients by culturing autologous urothelial 

and muscle cells and seeding them on collagen scaffolds or collagen and polyglycolic acid (PGA) 

composite scaffolds [8]. More recently, the group has reported conducting similar tests with human 

vaginas [9]. Patients from both groups were monitored for several years and the results of the 

studies were very positive overall. 

 

Due to the widespread and expensive nature of cardiovascular disease, many research groups have 

focused on creating tissue engineered blood vessels. Research collaboration between several 

universities and Humacyte Inc. has resulted in the creation of decellularized blood vessels with 

very promising initial clinical trials in both non-human primates and humans [10-13]. Other groups 

have also shown success in creating engineered blood vessels [14-16]. However, these successes 

are limited to planar, tubular, or hollow tissues that require little vascularization. The regeneration 

of more complex solid tissue will require new techniques that incorporate vascularization. 

 

2.2.3 Tissue Scaffold Requirements 

To create a suitable environment that encourages cellular adhesion, proliferation, differentiation, 

and the formation of vasculature, tissue scaffolds and the materials from which they are made must 

satisfy several important requirements. The material(s) used should be biocompatible, degrade at 

a suitable rate into non-toxic products, and ideally include growth or differentiation factors to aid 

in tissue formation. The scaffold should have high porosity and pore interconnectivity while at the 

same time maintaining sufficient mechanical strength. The elastic modulus and pore size should 

be tuned to the tissue type being regenerated. 
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2.2.3.1 Biocompatibility and Biodegradability 

While the term biocompatibility has no clear definition and has often been misused [17, 18], the 

materials used for the fabrication of tissue scaffolds should not be cytotoxic nor should they elicit 

a significant inflammatory response from the cells. In addition, the ideal scaffold should degrade 

in the body over a period of weeks to months, depending on the tissue type being regenerated. As 

the cells degrade the scaffold and replace it with secreted proteins, the decrease in mechanical 

strength of the scaffold should be balanced by the increase in strength of the extracellular matrix 

(ECM) produced by the cells [19]. The products into which the scaffold degrades must also be 

biocompatible. 

 

2.2.3.2 Mechanical Strength 

A tissue scaffold must have enough rigidity and strength to support itself in addition to any loads 

that might be placed on it from surrounding tissue [19, 20]. Tissue scaffolds that aim to replace 

ligaments or bone need significantly more strength than those intended to replace soft tissues. It is 

important to use a material that is tailored to the specific tissue to be replaced as greater cell 

viability has been observed when cells are placed on a substrate with a modulus that closely 

resembles that of the host tissue of the cell [21]. Further, bone resorption is a common result in 

joint replacements because metal implants are stiffer than the surrounding bone [22]. The 

compliance of the substrate, which is determined by its elastic modulus, also affects both adhesion 

and migration of cells on the substrate [23, 24]. Matching the mechanical properties of bone with 

hydrogels has proven quite challenging with extensive research focused on reinforcing hydrogels 

for use as bone tissue scaffolds [25-27]. Ceramics, notably hydroxyapatite and tricalcium 

phosphate, have been explored as substitutes as they have significantly higher elastic moduli than 
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hydrogels [28-33]. Mimicking the elasticity and strength of tissues such as ligament, tendon, and 

cartilage has also proven challenging [34-38]. 

 

2.2.3.3 Porosity, Pore Size, and Interconnectivity 

Scaffold porosity, pore size, and pore interconnectivity are important factors in maintaining high 

cell viability and preventing apoptosis [19, 39]. Porosity is the volume of free space in a scaffold 

while its interconnectivity is a measure of the percent volume of pores that can be reached from 

the outside of the scaffold [40, 41]. The greater the porosity of a scaffold, the more cells it can 

potentially accommodate but at the cost of mechanical strength [19, 20]. Higher pore 

interconnectivity contributes to the ability of cells to migrate and proliferate through the scaffold. 

Pore interconnectivity, as well as the size and distribution of the interconnects, also impacts a 

scaffoldôs overall permeability and the ability for fluid to flow through it [42]. Good permeability 

is necessary to allow for nutrient access to cells throughout the scaffold and for the removal of 

cellular waste products. Pore size in tissue scaffolds fabricated via both traditional techniques and 

AM have been found to affect cell viability and growth [43]. One study found that preosteoblasts 

had the highest viability on scaffolds with pore diameters of approximately 350 ɛm [44]. However, 

different cell types tend to prefer a variety of pore sizes [43]. Researchers have also found that 

pore shape can also affect cell growth and viability [45, 46]. However, because traditional tissue 

scaffold fabrication techniques are unable to control precise pore geometry, the underlying 

phenomena of how pore shape impacts cell adhesion and viability are not well understood. 

 

2.2.3.4 Incorporation and Delivery of Chemical Factors 
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Cells do not readily attach to most synthetic materials unless specific chemical cues are present. 

In practice, proteins containing the RGD (Arginylglycylaspartic acid) tripeptide sequence (found 

in e.g. collagen, fibronectin, elastin) are commonly incorporated into or adhered onto the tissue 

scaffold to improve cell adhesion and viability [47-49]. Chemical factors can also be specific to 

the particular type of cell being cultured. For example, scaffolds seeded with preosteoblasts often 

include hydroxyapatite to promote osseointegration and differentiation into osteoblasts [50-53]. 

Growth factors can be used to elicit a desired cell response (e.g. protein secretion, migration) and 

direct cell differentiation [54]. Bone morphogenetic protein 2 (BMP-2) and vascular endothelial 

growth factor (VEGF) have been incorporated into scaffolds to promote osteogenesis and 

angiogenesis [55-57]. 

 

2.2.3.5 The Importance of Vascularization 

Generating vascularization in tissue engineered constructs has often been cited as the most 

significant challenge in creating scaffolds that can be used in clinical settings [58]. Insufficient 

vascularization which does not allow for nutrient diffusion to cells or for waste to be removed 

results in apoptosis, or programmed cell death [59]. Scaffold properties such as porosity, pore size, 

interconnectivity, and the incorporation of bioactive molecules will influence the degree to which 

a tissue engineered construct becomes vascularized. 

 

Tissue engineered constructs that are used to repair or replace planar, tubular, or hollow tissues 

have been successful because cells in these constructs are never more than a few hundred 

micrometers away from a vascularized blood source [8]. Artificial skin constructs, bladder tissue, 

and vaginal tissue used in clinical settings have been successful without the incorporation of 
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vascularization [5, 8, 9, 60]. While hollow, tubular, and planar tissues are all composed of thin 

layers of cells just a few hundred micrometers thick, solid organs are composed of cells that can 

be centimeters away from the surface of the tissue [61]. Most of the organs which are in scarce 

supply for transplant, such as the kidney, liver, pancreas, and heart, are made up of thick, 

vascularized tissue. Tissue scaffolds used to reconstruct solid tissues must be constructed in a way 

that promotes vascularization and ensures that cells are within 200 ɛm of a capillary [58]. 

 

2.3 Tissue Scaffold Fabrication Techniques  

A variety of fabrication techniques have been developed in an attempt to create scaffolds that will 

provide an effective structure for developing tissues. These techniques can largely be classified 

into three categories: decellularization processes, traditional or stochastic scaffold fabrication 

processes, and AM processes. Each of these is able to create scaffolds that satisfy some of the 

requirements described in Section 2.2.3, but no technology is currently able to satisfy them all. As 

a result, all three of these scaffold fabrication techniques are the subject of ongoing research. An 

extensive review of SLA will be presented in Section 2.4. 

 

2.3.1 Decellularization 

While the previously described techniques create tissue scaffolds using both natural and synthetic 

polymers, decellularization aims to create scaffolds by removing cells from existing ECM [62]. 

Mechanical, enzymatic and chemical techniques are used to remove cells and proteins from tissue 

harvested from allogenic or xenogeneic donor while leaving structural proteins of the tissue intact. 

These cell-removing techniques include freeze-thawing, the perfusion of enzymes such as trypsin 

and nucleases into the tissue, and the use of detergents and saline solutions [62, 63]. Enzymes are 
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used to cleave proteins (e.g. DNA, RNA) into smaller fragments, but even these can cause an 

immune response if a sufficient number of them remain after decellularization [64]. In addition, 

decellularization techniques also alter the structure of the ECM [62]. The physical alteration of 

ECM scaffolds as well as the unique structure of each donor organ means that no two 

decellularized scaffolds are quite the same. The variability between scaffolds poses a challenge for 

clinical trials and studies [65]. Finally, decellularization requires the use of a tissue from a donor 

rather than the use of synthetic means of fabrication. These donors are either in limited supply or 

require a suitable animal donor [66]. 

 

FDA approval has been obtained for products from a variety of source tissues and for applications 

in orthopedic, cardiovascular, and dental tissue repair [63]. In addition, researchers are moving 

towards whole organ decellularization rather than just thin tissues [66]. Improved decellularization 

techniques as well as a greater understanding of the remodeling process that occurs during 

recellularization of the ECM could eventually allow for the replacement of full organs including 

kidneys, livers, and hearts [66]. 

 

2.3.2 Traditional Tissue Scaffold Fabrication 

Since the early 1990ôs, dozens of polymer processing techniques have been developed to fabricate 

porous polymeric scaffolds for use in regenerative medicine and tissue engineering. Some of the 

most popular methods for fabricating scaffolds include gas foaming, solvent casting with 

particulate leaching, phase separation, and electrospinning, although many other techniques and 

hybrid techniques have also been used successfully [67-70]. Many of the clinical successes in 
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tissue engineering have used these polymer processing techniques for fabricating tissue scaffolds, 

particularly those intended for the repair or replacement of flat, tubular, or hollow tissue [6, 8-16]. 

While these traditional tissue scaffold fabrication methods are adequate for planar, tubular, and 

hollow organs, they cannot, at present, be used to create tissue scaffolds for solid organs because 

they do not provide vascularity [59]. This is due to the stochastic and non-hierarchical manner in 

which they create pores within the scaffold [58, 71]. Despite this major shortcoming, these 

methods have been used to create a wide variety of scaffolds with controlled porosity, pore size, 

surface area to volume ratios, mechanical properties, and chemistries. 

 

2.3.2.1 Solvent Casting and Particulate Leaching 

Particulate leached scaffolds can have high porosity and, unlike many other traditional scaffold 

fabrication techniques, have high interconnectivity between pores [72, 73]. Cell adhesion and 

viability has been reported on tissue scaffolds made via solvent casting and particulate leaching 

using poly(L-lactic acid) (PLLA) [74], poly(lactic-co-glycolic acid) (PLGA) [73, 75], poly(L-

lactic acid) poly(glycolic acid) copolymer (PLLA-PGA) [76], and polycaprolactone (PCL) [77]. 

Scaffolds have also been fabricated using poly(propylene fumarate) (PPF) [78], 

polyhydroxyalkanoates (PHA) [79], and poly(caprolactone fumarate) (PCLF) [40]. Tissue 

scaffolds made using this technique are often used for bone regeneration due to the relatively hard 

materials that can be used (e.g. PCL) [80]. The primary drawbacks of solvent casting and 

particulate leaching are the inability to control pore shape and pore interconnectivity [81]. 

 

2.3.2.2 Gas Foaming 
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Gas foaming produces highly porous scaffolds using biodegradable materials and without the use 

of harsh solvents [82-85]. High pressure gas (often CO2) is used to saturate a polymer and, upon 

the reduction of pressure, the nucleation of gas bubbles creates pores with sizes up to 500 ɛm 

within the polymer sample [86]. Porosity of these scaffolds can be very high (greater than 90%) 

but it is difficult to control pore size and pore interconnectivity is often low [70, 87]. Porosity in 

the scaffold can be further controlled by the incorporation of particles into the polymer in a process 

involving both gas foaming and particulate leaching [85, 88].  

 

2.3.2.3 Phase Separation 

Phase separation is a scaffold fabrication technique capable of fabricating scaffolds with porosities 

up to 97% [70, 89-93]. Thermally-induced phase separation (TIPS) is performed by rapidly heating 

a polymer-solvent solution with a lower critical solution temperature or cooling one with an upper 

critical solution temperature. The instability of the solution causes it to separate into polymer-rich 

and solvent-rich regions [26, 94]. Hybrid scaffold fabrication techniques that employ both phase 

separation and particulate leaching have also been demonstrated [95, 96]. Drawbacks of phase 

separation include the use of organic solvents and the small pore sizes (micrometers to tens of 

micrometers) that are produced, which are often too small for tissue engineering applications [70]. 

 

2.3.2.4 Electrospinning 

Electrospinning creates nonwoven meshes of polymeric fibers by drawing dissolved polymer 

solutions out of a thin syringe tip using a strong electric potential [97]. By modifying processing 

parameters such as the electric potential, distance to collection substrate, and syringe tip diameter, 

the diameter of polymer strands and mesh density can be controlled. 
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Electrospun scaffolds tend to have poor mechanical strengths and it is difficult to build three 

dimensional parts or control pore shape [81]. In addition, toxic organic solvents are often used to 

dissolve the polymer for electrospinning [98]. Scaffolds have been fabricated using 

electrospinning for applications including the engineering of nerve tissue [99], blood vessels [100], 

cardiovascular tissue [101], and skin [98]. 

 

2.3.3 Additive Manufacturing Techniques 

AM, as defined by the joint ISO/ASTM 52900-15 standard on terminology, is a process in which 

material is joined, usually layer upon layer, to produce parts from 3D model data [102-104]. This 

is in contrast to subtractive manufacturing techniques, in which material is selectively removed, 

and formative manufacturing techniques, in which pressure applied to raw material is used to shape 

it. AM is further classified into seven processes, including vat photopolymerization, based on how 

material is joined together. The manufactured partôs properties are determined by the class of 

material used, the feedstock used for adding material, the technique used to join material (e.g. 

curing, sintering, fusing), and the way in which the machine brings together material [102]. 

 

AMôs ability to fabricate complex geometries presents a significant advantage over traditional 

scaffold fabrication techniques [105]. Designed scaffold geometries can be generated using 

Computer Aided Design (CAD) software, digitally sliced into many layers, and then fabricated 

layer by layer using an AM system. The digitally controlled nature of AM affords repeatability 

and precision to the scaffold fabrication process. This section will discuss the use of material 
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extrusion and bioprinting for the fabrication of tissue scaffolds while the subsequent section will 

explore stereolithography in more depth. 

 

2.3.3.1 Material Extrusion 

Tissue scaffolds have been fabricated using material extrusion (also known as Fused Deposition 

Modeling (FDM) or Fused Filament Fabrication (FFF)) as it can create objects rapidly from a 

growing selection of thermoplastics. In addition, both machines and the materials they use can be 

very inexpensive. However, the pore sizes that can be achieved with FDM are often 500 ɛm or 

greater and the geometries are typically quite simple (Fig. 2.1) [106]. In addition, the 

thermoplastics employed require extrusion at temperatures well above physiological temperature. 

For example, typical extrusion head temperatures for the extrusion of polycaprolactone range from 

90-100 °C [25, 107]. This precludes simultaneous printing of cells or thermally sensitive 

biomolecules with the scaffold. 

 

 

Fig. 2.1. SEM micrographs of polycaprolactone scaffolds fabricated with FDM. Reproduced from 

Zein et al., 2002 with permission from Elsevier [106]. 
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2.3.3.2 Bioprinting 

Bioprinting fabricates cell-containing tissue engineering constructs through the simultaneous 

deposition of cells and support material [108]. Bioprinting uses one or more deposition techniques 

including extrusion, inkjet, or laser assisted printing to selectively place material and cells [109]. 

 

Fig. 2.2. Schematic diagrams of the three primary Bioprinting techniques. Reproduced from Malda 

et al., 2013 with permission from Wiley [109]. 

 

2.3.3.2.1 Extrusion Bioprinting 

Extrusion bioprinters use pressure from a plunger, screw, or pneumatic system to push material 

and cell suspensions out of a small syringe tip. As material is laid down, it forms a scaffold and 

provides physical support that holds the cell suspension in place [110, 111]. Extrusion print heads 

are very popular as they are inexpensive and can print many cell types and materials that have a 

wide range of viscosities and cell densities (Fig. 2.3) [108, 112]. However, cells can experience 
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significant shear forces if extrusion velocities are too high and nozzle diameters too small 

[113].The shear forces can destroy cell membranes and have a deleterious effect on cell viability, 

even after the printing process is complete [113, 114]. Increasing the printerôs nozzle diameter 

reduces these shear forces but does so at the expense of resolution. 

 

Fig. 2.3. Bioprinting of an aortic valve conduit containing both aortic root sinus smooth muscle 

cells (SMC) and aortic valve leaflet interstitial cells (VIC) encapsulated in an alginate and gelatin 

hydrogel. (a) Prior to printing, an aortic valve model was reconstructed from micro computed 

tomography (microCT) scan data and separated into valve root (green) and valve leaflet (red) 

regions; (b, c) schematic illustration of extrusion of encapsulated SMC and VIC; (d) fluorescence 

imaging of the first two layers of the aortic valve conduit; (e) the final printed aortic valve conduit. 

Reproduced from Duan et al., 2013 with permission from Wiley [112]. 
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2.3.3.2.2 Inkjet Bioprinting 

Inkjet bioprinters use a piezoelectric actuator or thermal inkjet head commonly found in 

conventional 2D printers to eject drops of material or cell suspensions [108]. Inkjet heads from 2D 

ink-based printers can be loaded with cells and placed on a 3-axis gantry. These printers tend to 

have slightly higher cell viability after printing than extrusion systems [113, 115]. However, 

achievable cell densities for inkjet printing are much lower than those observed with extrusion or 

laser assisted bioprinting [108, 115, 116]. In addition, inkjet bioprinters only have a small range 

of printable viscosities which limits the variety of materials that can be used for fabricating 

scaffolds [108, 117]. 

 

2.3.3.2.3 Laser Assisted Bioprinting 

Laser assisted bioprinting (LAB) uses the Laser Induced Forward Transfer (LIFT) process in 

which a laser is used to deposit small droplets of cell-containing material off of a donor substrate 

onto the build area (Fig. 2.2) [109, 118]. First, a ribbon with a thin layer of the material to be 

deposited is prepared. It is then placed over the build surface and small droplets of material are 

ejected off of the ribbon using a pulsed laser beam [118]. Although it is less common than other 

techniques, LAB is becoming increasingly popular as it can achieve droplet sizes of less than 50 

ɛm and very high cell densities (108 cells/mL) [116, 119]. 

 

2.3.3.2.4 Materials for Bioprinting 

Bioinks are the polymeric materials used to encapsulate cells during bioprinting and provide 

mechanical support afterwards. Bioinks often have low viscosities to improve cell viability by 

allowing printing at lower pressures [120, 121]. They are often designed to be shear thinning [122-
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124]. This allows them to be dispensed at low pressures using small diameter nozzles but self-

supporting after printing. Bioinks for inkjet bioprinting must be liquids to allow for droplet 

formation, but must solidify after printing [108]. Cell viability can also be improved by using 

bioinks that can be printed at physiological temperature (e.g. 37 °C), rather than at ambient or 

elevated temperatures [121]. A wide range of elastic moduli can be obtained through polymer 

selection and by varying polymer concentration, molecular weight, and crosslink density [125, 

126]. Both natural and synthetic polymers have been investigated for use in bioprinting. Polymers 

that have been employed in bioprinting applications include alginate [110-112, 127], collagen type 

I [27, 127, 128], fibrinogen [27], poly(ethylene glycol) dimethacrylate [126], gelatin [112, 129, 

130], poly(ethylene glycol) diacrylate [129], and hyaluronic acid [125]. 

 

2.3.3.2.5 Challenges faced by Bioprinting 

Despite the exciting results, the technology has several important barriers that may hinder clinical 

successes in the future. The primary difficulty is the inability to extrude very small volumes of 

cells without reducing their viability because of the shear forces caused by small diameter nozzles 

[113]. Extruding relatively large volumes of cells at a time may work well for fabricating tissues 

with relatively homogeneous structures, but may not be adequate for creating substructures with 

high complexity (e.g. kidney). This also presents a problem for creating the small vasculature 

necessary for solid tissues. In addition, few researchers have demonstrated the printing of cell-

containing hydrogel structures taller than about 2 cm because of the mechanical properties of the 

inks [131]. Typically, structures printed from bioinks have moduli from about 100 Pa to 100 kPa 

[132-134]. Researchers are currently investigating new materials that are both bioactive and have 

greater mechanical strength than the polymers in use currently [131].  
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As the focus of this text is on the use of Stereolithography for tissue engineering, the author points 

the reader towards more comprehensive reviews on the use of Bioprinting that can be found in the 

literature [108, 135]. Further comparisons between scaffold fabrication techniques, both additive 

and traditional, are also available in the literature [43, 71, 105, 109, 136, 137]. 

 

2.4 Vat Photopolymerization (Stereolithography) and its Potential 

Vat photopolymerization (stereolithography, SLA) has been successfully used for the tooling and 

manufacturing of a number of consumer products due to its ability to create large parts with sub-

millimeter details. One of the most well-known commercial applications of SLA is Invisalign®, 

an orthodontic treatment that uses clear, removable teeth aligners custom fabricated for each 

patient [138]. In conjunction with traditional manufacturing techniques, Align Technology Inc. 

has used SLA to manufacture and has shipped tens of millions of these individualized devices to 

patients. SLA is also used to fabricate the vast majority of hearing aid device shells [139]. By 

increasing the resolution of current SLA machines and broadening the number and variety of 

materials capable of being manufactured with this technique, researchers hope to achieve similar 

successes in the field of Tissue Engineering. 

 

2.4.1 Stereolithography: Principles of Operation 

Stereolithography uses light (often in the UV spectrum but sometimes in the visible spectrum) to 

selectively crosslink and thus solidify a photopolymer resin layer by layer [104]. Photopolymers 

were introduced in the late 1960s and are now used in a variety of industries and are particularly 

important in the microelectronics industry. SLA, the first Additive Manufacturing process, was 
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developed by Charles (Chuck) Hull in the mid-1980s. Hull scanned a laser over a photopolymer 

vat layer by layer to fabricate solid objects from liquid photopolymer resins. Since then, three 

distinct light patterning techniques have been developed for Stereolithography: vector scanning, 

mask projection, and two-photon (Fig. 2.4). Vector Scanning Stereolithography, (Fig. 2.4a) the 

technique used in most commercial machines, scans a laser over the surface of a vat filled with 

photopolymer resin [104]. Wherever the laser is scanned, the photopolymerization reaction occurs 

and the resin solidifies. Once a layer has been completed, the build stage is submerged further into 

the photopolymer vat and the next layer is built directly on top of the previous layer. 
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Fig. 2.4. Schematic diagrams of the three approaches to stereolithography: a) vector scan 

stereolithography b) mask projection stereolithography, and c) two photon polymerization. 

Reproduced from Gibson et al., 2010 with permission from Springer [104]. 

 

Mask Projection Stereolithography (Fig. 2.4b) instead irradiates the entire surface of the 

photopolymer vat simultaneously by using a dynamic mask. The earliest systems used Liquid 

Crystal Displays (LCD) as their dynamic mask system [140], but most machines currently reported 

in the literature use Digital Micromirror Devices (DMD, a Digital Light Processing (DLP) 

technology developed by Texas Instruments that is widely used in projectors [104, 141]. DMDs 

are large arrays of micromirrors that can be rotated to be in either an óonô or óoffô position. By 

doing so, light can be reflected off of a subset of the mirrors (those that are in the on position) to 

produce an image of patterned light. Generally, Mask Projection systems are faster than Vector 

Scanning systems because an entire layer is irradiated at once. 

 

While traditional stereolithography relies on the absorption of a single photon (usually UV) by 

single molecules leading to initiation and crosslinking, these reactions can also be induced by the 

simultaneous absorption of two lower energy photons [142]. In multi-photon polymerization 

(MPP), an ultrafast pulsed laser is used to create a very high flux of photons in a small temporal 

and spatial volume to allow for the absorption of two photons by a single molecule [143-146]. The 

absorption of two photons produced by a Two-Photon Polymerization (2PP) system at a higher 

wavelength (often 780-820 nm) is energetically equivalent to the absorption of a single photon at 

half this wavelength. Sub-micron feature sizes can readily be achieved by 2PP due to the quadratic 

dependency of two photon absorption with light intensity [147-149]. Typically, parts fabricated 
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with 2PP systems are significantly smaller than 1 mm3, and are thus not practical for fabricating 

tissue scaffolds for implantation [150]. The fabricated structures are, however, useful for 

understanding cell-scaffold interactions [151]. 

 

2.4.2 Microstereolithography 

Microstereolithography systems are Vector Scan or Mask Projection systems that achieve feature 

sizes on the micron scale. They were first demonstrated in 1993 by Ikuta et al. who used a scanning 

laser with a spot diameter of 5 ɛm [152]. Many present systems still use Vector Scanning, but with 

the rapidly increasing resolution of DMDs, Mask Projection systems have become more popular 

in Microstereolithography.  

 

Mask Projection Microstereolithography (MPɛSL) systems are fundamentally made up of a light 

source, conditioning and imaging optics, dynamic mask, build platform, a recoating system, 

photopolymer container, and a controller (Fig. 2.5). MPɛSL systems using UV lamps, LEDs, and 

lasers have been reported [141]. When choosing a light source, it is important to consider the 

emission spectrum of the source as well as its intensity, intensity profile, and divergence [141]. 

The light passes from the source through the conditioning optics, which may contain 

homogenizing rods, collimating lenses, filters, as well as beam expanding optics. Homogenizing 

rods reduce any intensity profile to help create an even light intensity across the build area. 

Collimating lenses are used to reduce beam divergence and increase light intensity from highly 

divergent sources, such as lamps. Filters remove unwanted wavelengths by allowing a single 

wavelength to pass through. Finally, beam expanding optics may be used to expand collimated 

light. 
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Fig. 2.5. Schematic of a Mask Projection Microstereolithography system. Reproduced from 

Lambert et al., 2013 [141]. 

 

The light passing through the conditioning optics is then reflected off of the dynamic mask. The 

efficiency of UV transmittance through LCD devices has been reported at just 12.5% [153]. Due 

to falling costs and higher resolutions, DMDs have become the most common dynamic mask used 

in MPɛSL systems. The aluminum-coated micromirrors in the DMDs are designed for the 

reflection of light in the visible spectrum and thus have somewhat lower reflectance in the UV 

spectrum, but still an acceptable 88% [153]. Coatings for DMDs can be applied to increase the UV 

reflectance off of their micromirrors. 
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The imaging optics serve to focus the light reflected off the dynamic mask onto the build plane. 

The lenses can be used to reduce the light beam to a smaller area so that higher resolutions can be 

achieved. Resolution of a system can be tuned by changing the imaging optics, but image reduction 

will unavoidably result in a smaller build area. 

 

Most Microstereolithography (ɛSL) systems use one of two methods for recoating parts with a 

thin layer of liquid resin in which the next layer will be built. Top-down systems project light from 

above and use dipping, spreading, pumping, or a combination of these to recoat the build platform 

with fresh resin. Bottom-up systems project light from below and use gravity as a recoating 

mechanism. When projecting light from below, the window through which the light passes must 

be optically transparent and facilitate separation of the part from the bottom of the vat [154].These 

two projection and recoating mechanisms are shown schematically in Fig. 2.6. Both systems use a 

build platform attached to a linear actuator. The linear actuator moves the build platform to the 

correct location so that the next layer can be fabricated.  
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Fig. 2.6. a) Schematic of a top-down stereolithography system. b) Schematic of a bottom-up 

stereolithography system. Reproduced from Lambert et al., 2013 [141]. 

 

2.4.3 Advantages of Microstereolithography 

ɛSL offers a number of advantages both over other AM techniques as well as traditional 

manufacturing technologies for fabricating tissue scaffolds. Traditional fabrication techniques can 

only control a few of several important scaffold geometry parameters. For example, gas foaming 

tends to result in scaffolds with high porosity, but little pore interconnectivity [70]. Electrospinning 

has recently become a very popular method for fabricating tissue scaffolds, but only limited control 

over pore shape is possible nor can three-dimensional structures be easily fabricated [97]. AM 

allows for the fabrication of geometries for tissue scaffolds while maintaining complete control 

over pore size, shape, interconnectivity, and overall porosity simultaneously.  

 

SLA, and ɛSL in particular, allow for smaller feature sizes compared to most other AM processes 

as resolution is limited by a systemôs optics rather than an extrusion bead width or powder particle 

diameter. Arguably, the only AM technique that can produce smaller features is the Two Photon 

technique, which can produce features on the nanometer scale [155]. However, the amount of time 

it would take to make scaffolds of a physiologically relevant size with 2PP makes it an impractical 

choice. ɛSL has the potential to create scaffolds with feature sizes in the tens of micrometers with 

overall dimensions of centimeters, making them particularly physiologically relevant. This allows 

the tuning of both the macrostructure and mesostructure simultaneously. Unlike melt extrusion 

based processes, ɛSL does not require the heating of a thermoplastic to temperatures that would 
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cause cell death and denature peptides. Despite the toxicity of UV exposure, the incorporation of 

cells during the printing process with high viability has been reported [156, 157].  

 

Through its excellent resolution and ability to control pore size, geometry, porosity, and 

interconnectivity simultaneously, ɛSL has the potential to create complex tissue scaffolds with 

properties that will permit the engineering of solid tissues.  

 

2.4.4 Photopolymer Chemistry 

Photopolymers comprise monomers, oligomers, and polymers that polymerize when exposed to 

light [158, 159]. To photopolymerize, these molecules or mixtures of them must be in the presence 

of a suitable photoinitiator capable of absorbing the wavelength(s) of light to which the system is 

exposed (often in the UV or visible spectrum) [160]. The simplest photopolymer resin consists of 

a photoinitiator and a monomer, but resins can be composed of multiple photoinitiators and 

polymerizeable molecules, light absorbers, stabilizers, anti-foaming agents, dyes, functional 

additives (e.g. ceramic particles and polypeptides), dispersants, and other additives [56, 161, 162]. 

Photopolymers have been used for decades in the microelectronics industry as photoresists, 

notably the epoxy-based SU-8 photoresist [163, 164]. Photopolymers are used extensively as 

coatings and adhesives in a wide range of industries. Photopolymer resins for SLA are almost 

exclusively systems that polymerize through free radical photopolymerization and cationic 

photopolymerization [161]. Free radical polymerization is used to polymerize acrylates, 

methacrylates, and acrylamides, while epoxides and vinyl ethers can be photopolymerized 

cationically [104]. 
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2.4.4.1 Modeling Photocuring in SLA Systems 

The curing characteristics of a resin can be described by the Jacobs Equation, which is derived 

from the Beer-Lambert law. First popularized by Paul Jacobs, it relates the cured depth of the 

polymer (CD) and the exposure (E), to two intrinsic material (or resin) properties: depth of 

penetration (DP) and critical exposure (EC) [165, 166]. 

# $ÌÎ  Equation 2.1 

The cured depth is the thickness of the gelled polymer while the depth of penetration is the depth 

in the resin at which the irradiation intensity is equal to 1/e of the irradiation intensity at the surface 

of the resin [104, 165]. The exposure is the energy delivered to the surface of the resin. The critical 

exposure is the amount of exposure required for gelation of the resin to begin. While the cure depth 

and exposure can be readily controlled and measured in a system, the critical exposure and depth 

of penetration must be determined prior to processing a resin. The depth of penetration and critical 

exposure can be presented graphically by plotting observed cure depth and exposure delivered to 

the resin surface (Fig. 2.7). In the resulting ñworking curveò, the x-intercept of a trend line 

corresponds to the critical exposure while its slope represents the resinôs depth of penetration 

[165]. 
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Fig. 2.7. Resin óóworking curveò of cure depth versus exposure. 

 

2.4.4.2 Free Radical Systems 

Free radical photopolymerization begins with the absorption of a photon (or multiple photons, in 

the case of MPP) by a photoinitiator molecule, resulting in the generation of a free radical [160, 

167]. This radical then initiates the polymerization of the acrylate or acrylamide molecules through 

a carbon-carbon double bond [168]. The polymerization continues during the propagation step 

where hundreds or thousands of monomers are covalently linked. Polymerization terminates 

through either the recombination, disproportionation, or occlusion of the propagating radical. 

Recombination occurs when two propagating chains react and merge while in disproportionation 

two radicals react but the chains do not merge. Occlusion occurs when the radical on a propagating 
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chain gets trapped in a solidified area where all monomers have reacted to form polymer chains 

[145, 161, 168]. 

 

Acrylate based systems are widely used in industry and by researchers because of their fast 

photopolymerization [158]. However, they typically experience significant shrinkage during 

curing resulting in curled layers and internal stresses [104, 161]. Polymerization speed is also 

reduced by oxygen inhibition, which is of particular concern in top-down SLA systems where the 

resin being photopolymerized is in direct contact with air during printing [158, 169]. However, 

oxygen inhibition can be leveraged to prevent adhesion of the photopolymer to the bottom of the 

vat allowing for continuous printing [154, 170]. Polymerization of monoacrylate systems results 

in linear chains that do not form a crosslinked network. Due to the longer gel times and lower 

moduli of monofunctional systems, acrylate systems are based largely on di-, tri, and tetra-acrylate 

monomers and oligomers [161, 168]. However, the combination of acrylates and methacrylates 

with differing functionalities and molecular weights in a resin allows for the tuning of resin 

properties (e.g. viscosity, critical energy) and the final properties of printed parts (e.g. crosslink 

density, elastic modulus) [167]. Multifunctional oligomers or polymers permit crosslinking of the 

system and impart mechanical, electrical, and thermal properties to the final part [171, 172]. 

Because these macromolecules are typically too viscous to print on their own, resin viscosity is 

reduced through the addition of low molecular weight acrylates and reactive diluents [156, 173], 

although non-reactive diluents can be used as well [39, 171]. These lower molecular species can 

either be mono or multifunctional. 
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Free radical photopolymerization in thiol-ene and thiol-yne systems is not inhibited by oxygen and 

tend to have lower shrinkage than acrylate systems [150, 174]. In addition, higher conversions are 

required for gelation of thiol-ene systems than acrylate systems, allowing for chain rearrangement 

to occur at higher conversion percentages and resulting in reduced residual stresses in printed parts. 

However, widespread use of thiol-based systems for SLA has been hindered by their unpleasant 

odor and typically low moduli [161]. 

 

2.4.4.3 Cationic Systems 

Although free radical systems tend to be more reactive than their cationic counterparts, epoxides 

and vinyl ethers that photopolymerize cationically have an important role in SLA resins [159, 175]. 

The reduced shrinkage of these resins during printing results in more dimensionally accurate parts. 

In addition, the lack of an oxygen inhibition effect during cationic polymerization allows for a 

reduction in the amount of photoinitiator needed [104]. Most commercially available resins are a 

blend of epoxies and acrylates that take advantage of the favorable properties of both types of 

photopolymers. Some resins even contain molecules with both acrylate and epoxy functional 

groups [161]. 

 

2.4.5 State of the Art of Microstereolithography for Tissue Scaffolds 

2.4.5.1 Resolution and Accuracy 

Resolution and accuracy of a ɛSL system, and in fact all AM systems, can be defined and evaluated 

in many ways, however, in the context of tissue scaffolds it is most appropriate to compare systems 

based on the minimum feature size that they are capable of fabricating. Columns and horizontal 

struts are positive features while holes and pores are negative features. The diameter of smallest 



40 

 

feature that can be fabricated is generally defined as the minimum feature size of a machine. While 

this metric is quite good at assessing a ɛSL systemôs capability for fabricating tissue scaffolds, 

minimum feature size can differ depending on the material being used and does not take into 

account the aspect ratios of the features.  

 

The ability to fabricate scaffolds with feature sizes below 100 ɛm allows for the fabrication of 

features just slightly larger than the average cell diameter. Resolution and minimum feature size 

are generally limited by optics in SLA machines, and this continues to be true for ɛSL systems. 

Several research groups have reported the fabrication of parts with ɛSL with features below 100 

ɛm (Table 2.1). In projection SLA systems, there is an inherent compromise between the minimum 

feature size that can be achieved and the projection area of the machine. The largest DMD currently 

available has an array of 2560 x 1600 micromirrors. Lenses can be used to reduce the projected 

area that a pixel exposes at the surface of the resin vat, but by doing so, the overall area that the 

DMD is exposing is reduced. Potential solutions might include image stitching or the use of larger 

DMDs when they become available [176]. On the other hand, the minimum feature size that can 

be achieved with laser based systems are limited by the spot size of the laser as well as the accuracy 

and precision of the galvanometers that raster the laser over the build surface. 

 

2.4.5.2 Resins used in ɛSL for Tissue Scaffolds 

Generally, commercial resins that have been developed for stereolithography do not display 

adequate cytocompatibility, nor can they degrade into non-toxic products within the body. Even 

in the research space, creating photopolymers for ɛSL with adequate biocompatibility for cell 

culture has remained challenging and relatively few materials have been used to fabricate tissue 
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scaffolds (Table 2.1) [167]. To be suitable for ɛSL, resins must cure relatively quickly and have a 

viscosity that allows for rapid recoating of thin layers. In general, oligomers with higher molecular 

weights than analogous lower molecular weight oligomers or monomers have lower toxicities and 

impart more mechanical strength, however, they also cure more slowly and have higher viscosities. 

The majority of the resins reported in the literature are based on low molecular weight 

multifunctional acrylates that create highly crosslinked structures which are rigid and brittle. 

 

Much of ɛSL research for tissue scaffolds has focused on the use of poly(propylene fumarate) 

(PPF) resulting in scaffolds with a limited range of mechanical properties and degradation 

timelines (Table 2.1). Several other materials have been explored, but overall, the number and 

variety of photopolymers available for use are inadequate to fulfill the potential that ɛSL holds. 

Because only a small number of photopolymers have been adequately characterized for use, 

engineers have a limited range of mechanical properties, bioresorption properties, and surface 

chemistries. To create scaffolds for all types of tissue replacement requires a palette of materials 

with a range of properties. 

 

There are numerous examples of ɛSL-fabricated tissue scaffolds being assessed for cell adhesion, 

viability, and proliferation in vitro (Table 2.1), however, few studies have been conducted in vivo 

on live animal models. Although the number of studies using ɛSL-fabricated scaffolds has 

increased in recent years, few researchers have evaluated synthetic materials in vivo [177-183] and 

even fewer have studied natural polymers [184]. 
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Table 2.1. Summary of literature reporting the use of Microstereolithography for the fabrication 

or potential fabrication of tissue scaffolds 

Material  Photoinitiator  UV Blocker Scaffold 

Architecture 

Minimum 

Feature 

Size 

Projection 

vs 

Scanning 

Cell Culture Ref 

GelMA 

1% Irgacure 

2959 

0.1% HMBS, 

0.01% 

TEMPO 

Square, 

hexagonal, 

200-500 ɛm 
pores 

50 ɛm Projection Immortalized 

HUVEC 

[46] 

HDDA 

Benzoin ethyl 

ether 

0.3% 

unspecified 

photoabsorber 

Square, 150 ɛm 

pores 

5-15 ɛm Projection  [153, 

185] 

GelMA 

BAPO 

(Irgacure 819) 

& Irgacure 
2959 

   Projection 

& 

Scanning 

MG63 osteoblast-

like cells 

[186] 

PDLLA  

2-6% Irgacure 

TPO-L 

0.15-0.20% 

Orasol 
Orange G dye 

Gyroid, 200-

500 ɛm pores 

250 ɛm Projection Human articular 

chondrocytes , 
MC3T3-E1, and 

iMSC 

[39, 

187, 
188] 

PDLLA containing up to 

20% hydroxyapatite 

nanoparticles 

4% Lucirin-

TPO 

0.15% Orasol 

Orange G dye 

Gyroid, 750 

ɛm pores 

 Projection Bone marrow 

derived hMSC up 
to 21 days 

[189] 

PEGDA 

Irgacure 819 0.5-0.8% 

unspecified 
photoabsorber 

Micro 

bioreactor 

20 ɛm Projection INVSc1 yeast cells 

for 45h 

[190] 

PEGDA 

10% Irgacure 

2959 

0.2% Tinuvin 

234 

Hexagonal, 150 

ɛm pores 

50 ɛm Scanning Fibornectin 

surface modified. 
Murine marrow 

progenitor for 48h 

[191] 

PEGDA 

0.1% Irgacure 

2959 

None Hexagonal, 

square, 
triangle, 165-

650 ɛm pores 

100 ɛm 

shown, 20 
ɛm 

claimed 

Projection Murine OP-9 

marrow stromal 
cells encapsulated 

in resin, primary 

murine 
mesenchymal stem 

cells up to 4 weeks 

[45] 

PEGDA and 

dipentaerythritol penta-

/hexa-acrylate 

1.8 wt% 
Irgacure 784 

 Gyroid   hMSC for up to 7 
days 

[192] 

PEGDA with RGDS 

0.5 wt% 

Irgacure 2959 

 Multi -material 

parts 

250 ɛm Scanning Human dermal 

fibroblasts up to 1 

week 

[193] 

PPF/DEF 
2% BAPO None Square, 100 ɛm 

pores 

30 ɛm Projection  [194] 

PPF/DEF 

1 % BAPO None Interpenetrating 
square and óXô, 

125 ï 500 ɛm 
pores 

90 ɛm Scanning 5SBF and RGD 
surface modified. 

MC3T3-E1, up to 
2 weeks 

[195] 

PPF/DEF  

1% Irgacure 

819 

None Offset square, 

350 ɛm pores 

125 ɛm Scanning MC3T3-E1 up to 

14 days, surface 

modification with 
RGD, cyclo RGD, 

or RGD-KRSR 

[196] 

PPF/DEF 

1% BAPO None Offset square, 
100-500 ɛm 

pores 

125 ɛm Projection MC3T3-E1 up to 7 
days 

[44] 

PPF/DEF 
1% BAPO 

(Irgacure 819) 

None  500 ɛm scanning  

 

[197] 

PPF/DEF, suspended 

PLGA microspheres 

containing BMP-2 

1% BAPO None Offset square, 

200 ɛm and 

400 ɛm pores 

100 ɛm Scanning MC3T3-E1 

showed bone 

formation in vivo 
after up to 11 

weeks 

[56] 
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Material  Photoinitiator  UV Blocker Scaffold 

Architecture 

Minimum 

Feature 

Size 

Projection 

vs 

Scanning 

Cell Culture Ref 

PPGDA, Pluronic L-31 
2% DMPA None Square 57 ɛm Projection MC3T3-E1 up to 7 

days 

[47] 

PTEGA-DMA 

(Poly(tri(ethylene glycol) 

adipate) dimethacrylate) 

2% DMPA  Cylindrical  Projection Viability of MDA -
MB-231 cells after 

24h 

[198] 

Somos 11120  Proprietary  50 ɛm Projection  [199] 

TMC/TMP(Trimethylene 

carbonate/ 

trimethylolpropane 

acrylated oligomer) 

BDMK None Square, 300-

500 ɛm pores 

120 ɛm Scanning Primary 

chrondrocytes 
from New Zealand 

white rabbits up to 

4 weeks 

[200, 

201] 
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2.4.5.3 Synthetic Polymers 

Synthetic photopolymers have mechanical properties, degradation rates, and viscosities that can 

be tuned over a wide range based on chemical structure, molecular weight, and processing. 

However, cell adhesion and viability on synthetic polymers are typically considerably lower than 

on natural polymers. 

 

The most widely synthesized resin for use in fabricating tissue scaffolds with ɛSL is 

poly(propylene fumarate) (PPF) [56, 195, 197, 202-205]. PPF was developed in the late 1980ôs 

[206] and later used to build tissue scaffolds via ɛSL [78, 197]. Itôs printing is straightforward and 

its mechanical and degradation properties can be tuned by varying molecular weight and 

crosslinking density [56, 195, 196, 202-204, 207, 208]. The material is popular because it is 

biodegradable and osteoblasts have been shown to proliferate on it [44, 56, 195-197]. In addition, 

its hydrolytic degradation products, fumaric acid and propylene glycol, are relatively nontoxic, 

although they are acidic [209, 210]. While the material is not commercially available, techniques 

for its synthesis and purification have been meticulously reported [211]. For printing, the PPF 

oligomer is often blended with its monomer, diethyl fumarate (DEF), to reduce the viscosity of the 

resin. A free radical photoinitiator is added to allow for the photocrosslinking of the resin, however, 

unlike most other resins, a UV absorber is generally not included. Crosslinked PPF is a relatively 

hard material and thus well suited for bone, cartilage, and hard tissue repair [208, 212]. PPF-based 

scaffolds have been evaluated in vivo for use in bone regeneration. BMP-2 growth factor loaded 

into the resin prior to printing was found to increase bone formation and induce differentiation of 

hADSC seeded onto the scaffolds 11 weeks after implantation into Wistar rats [213]. In addition, 
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scaffolds fabricated using ɛSL were found to perform better than those fabricated via particulate 

leaching/gas foaming [56]. 

 

Poly(D,L-lactide) (PDLLA) is a hard, biodegradable, and amorphous form of polylactic acid that 

has been used in resorbable bone fixation devices [187]. Although it has been FDA approved for 

some applications, its very slow degradation rate limits its use in tissue scaffolds to hard tissue 

regeneration [210]. The monomer can be modified with methacrylate groups to allow photocuring 

in SLA systems [187]. Adequate cell adhesion and cytotoxicity have been reported from studies 

conducted on scaffolds fabricated via SLA [39, 188]. In addition, researchers have shown that 

hydroxyapatite powder can be added to PDLLA resins to improve strength, toughness, and bone 

cell biocompatibility [51, 189]. They have demonstrated the viability of bone marrow derived 

human mesenchymal stem cells (hMSC) on such scaffolds as long as 21 days [189]. 

 

PCL is often used in bone tissue engineering and has been modified into methacrylated macromers 

for printing [214]. Micro-computed tomography (ɛCT) demonstrated excellent geometric fidelity 

between the 3D computer model data and the resulting printed structure. Further, murine 

fibroblasts seeded on the polymerized material adhered evenly over the entire surface. Like 

PDLLA, PCL is approved for some clinical applications by the FDA, but also has a very slow 

degradation rate [209]. In addition, cell adhesion is generally low and PCLôs degradation products 

are acidic [210]. 

 

Poly(ethylene glycol) diacrylate (PEGDA), derived from poly(ethylene glycol) (PEG), a material 

with low cytotoxicity that has been extensively implanted into the human body. It has been studied 
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extensively for use in drug delivery as cells generally do not readily attach to it. Several groups 

have printed tissue scaffolds from PEGDA using ɛSL, but have been thwarted by low cell adhesion 

to the material [190, 191, 215]. However, one research group has demonstrated the encapsulation 

of murine marrow stromal cells in PEGDA resin prior to printing and shown relatively good 

viability of the cells after printing [45]. Macromers derived from both PEG and collagen I can also 

be used to improve cell adhesion to parts fabricated using ɛSL [216]. 

 

1,6-Hexanediol diacrylate (HDDA) is a low viscosity monomer that has been used in fabricating 

microstructures with Microstereolithography [151, 153, 185, 217, 218]. Cell viability and 

proliferation studies have not been conducted on the material, however it has been found to be a 

potent skin sensitizer [219]. Structures with feature sizes as small as 0.6 ɛm have been fabricated 

with ɛSL using HDDA [153].  

 

Trimethylene carbonate (TMC) based photopolymers were some of the first used in ɛSL with 

tissue engineering applications [220, 221]. The TMC-based oligomers generally include PEG, 

caprolactone, or trimethylolpropane (TMP) and are biodegradable [200, 201, 222]. The viability 

and proliferation of cells on TMC films as well as on scaffolds both in vitro and in vivo has been 

demonstrated [200, 201, 221, 223, 224]. Recently, hADSC seeded onto scaffolds fabricated from 

a TMC-based photopolymer and exposed to transforming growth factor (TGF)-ɓ3 were found to 

efficiently differentiation towards anulus fibrosus-like cells [224]. This advance could allow for 

the engineering of anulus fibrous tissue for the treatment of spinal disk herniation and degeneration 

of intervertebral disk degeneration. Scaffolds fabricated using TMC-based resin have been used to 

explore the formation of bone and cartilage tissue in vivo [181, 200]. The inclusion of 
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hydroxyapatite nanoparticles into TMC resin were found to improve osteogenic differentiation of 

hBMSC in vitro and improved healing and bone formation in New Zealand white rabbit animal 

models after four weeks [181]. Separately, cartilage-like morphology was achieved after four 

weeks in vivo with scaffolds fabricated from TCM and injected with alginate-encapsulated 

chondrocytes before implantation [200]. 

 

Tube-like scaffolds mimicking arterial constructs and porous scaffolds have been fabricated using 

poly(tri(ethylene glycol) adipate) dimethacrylate (PTEGA-DMA), a hydrolyzable polyester (Fig. 

2.8). The material was found to promote good cell adhesion of both MDA-MB-231 human breast 

cancer cells and MC3T3-E1 mouse preosteoblasts [198, 225]. 

 

Several commercially available SLA resins have been used for ɛSL with tissue scaffold 

applications in mind as they are relative inexpensive, require no synthesis, and work readily with 

commercially available machines [31, 199, 226-230]. However, these resins are not developed 

with the requirements of tissue scaffold in mind and thus are not well suited for fabricating 

scaffolds. When crosslinked, the majority of these polymers are rigid and would have mechanical 

properties suitable for hard tissue engineering [231]. However, no commercial SLA resins 

demonstrate the requisite biodegradability or bioresorption. Despite this, cell seeding has been 

attempted on some of these resins, albeit with little success [226, 227]. 
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Fig. 2.8. SEM micrographs of tissue scaffolds fabricated from poly(tri(ethylene glycol) adipate) 

dimethacrylate (PTEGA). Reproduced from Chartrain et al., 2016 [225]. 

 

2.4.5.4 Naturally Derived Polymers 

Efforts have also been made to fabricate scaffolds from naturally derived materials with ɛSL as 

they are often biodegradable and exhibit low cytotoxicity. Arginylglycylaspartic acid (RGD) 

groups present on many proteins found in the ECM are recognized by attachment dependent cells 

and promotes their adhesion. Collagen, when combined with a ɛSL fabricated ɓ-tricalcium 

phosphate scaffold, has shown promise for the engineering of osteochondral tissue [232]. Gelatin, 

which is derived from collagen, has been modified with methacrylate endgroups (GelMA) in order 

to allow photopolymerization and the fabrication of three-dimensional structures via SLA [46, 

186, 233]. Further, the stiffness of the GelMA can be controlled by the degree of methacrylation. 

The compressive modulus of GelMA can be increased by a factor of three from 10 to 30 kPa by 

increasing the methacrylation from 20% to 80% [234]. Mechanical properties and cell response 

can also be tuned by varying GelMA content in the gel. Recently, scaffolds fabricated from a 
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GelMA solution containing BMP-2 and encapsulated hBMSC have been tested in vitro and in vivo 

for bone formation [184]. Fourteen weeks after intramuscular implantation in mice, scaffolds with 

both BMP-2 and encapsulated hBMSC had significantly higher bone formation than scaffolds that 

did not contain BMP-2. The bone was localized in the scaffold and found to be primarily due to 

the hBMSC rather than host cells. 

 

Chitosan can also be incorporated into resins that use PEGDA as a crosslinker either by simply 

blending the PEGDA with a chitosan solution [235] or by functionalizing the chitosan so that it 

copolymerizes with the PEGDA [236]. Researchers have also demonstrated the ability to 

functionalize and print hyaluronic acid using SLA [237] and photocure monolayers of alginate 

[238]. Epoxidized soybean oil acrylate mixed with acetone has been fabricated into scaffolds using 

a 355 nm laser scanning system [239]. Proliferation of hMSC on the cured material after five days 

was similar to proliferation on PCL and PLA substrates. This advance could pave the way for the 

use of renewable plant-based oils in stereolithography.  

 

Most fabrication of tissue scaffolds with Microstereolithography has used synthetic polymers and 

thus the introduction of natural polymers will have significant impact in overcoming many of the 

limitations posed by synthetic materials. Unlike many synthetic polymers, natural polymers tend 

to be biocompatible, biodegradable, and promote cell adhesion. However, natural polymers have 

disadvantages of their own. They typically have poorer mechanical properties and can be harder 

to process than synthetic polymers [86, 161, 209, 210]. In addition, protein-based biopolymers 

derived from animal sources can have contaminants that provoke an immune response or impact 

material properties [86, 210]. Despite these challenges, ɛSL of tissue scaffolds using natural 
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polymers or blends with both natural and synthetic polymers will continue to become more 

common because of their beneficial bioactivity and low toxicity. 

 

2.4.6 Fabrication of Parts with Multiple Materials 

Tissue scaffolds fabricated by the selective placement of more than one material hold particular 

promise for Tissue Engineering. Multi-material scaffolds can be used to direct cell growth and 

proliferation, create mechanical property gradients, and control scaffold degradation [97, 193]. For 

example, by selectively placing materials or growth factors, endothelial cells could be induced to 

attach to certain areas of a scaffold while stimulating osteoblasts to attach to other areas. This 

would provide exceptional control over the physical attachment, growth, and proliferation of cells 

in a tissue scaffold. Similar examples could be envisioned for controlling stiffness, degradation, 

hydrophilicity, and other properties. Researchers have reported multi-material stereolithography 

and even Microstereolithography. To build multi-material objects, the build platform is dipped 

into a vat containing a first material, one or several layers are fabricated, the platform and partially 

fabricated object are cleaned of unpolymerized resin, and fabrication continues in another vat 

containing a dissimilar material [230, 240-243]. However, these systems have not yet been used 

to fabricate tissue scaffolds that take advantage of the myriad new design possibilities due to the 

technical challenges of frequent switching between materials. The most complex multi-material 

ɛSL-built objects to date have been fabricated by Wicker et al. using a modified 3D Systems Viper 

si2 (Fig. 2.9). These objects can even contain more than one material in a single layer by fabricating 

part of the layer in one material, switching to a second material, and fabricating the remainder of 

the layer. However, to create complex multi-material scaffolds that can be used to guide cell 
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adhesion, growth, and differentiation, it will be necessary to fabricate parts with dozens if not 

hundreds of material changeouts. 

 

 

Fig. 2.9. Wicker et al. have developed the most advanced multi-material µSL system reported to 

date through the modification of a 3D Systems Viper si2 [230,240,241]. CAD models of a multi-

material rook (top left) and post with helix (top right). The rook (bottom left) was fabricated with 
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two material changeouts (from ProtoTherm 12,120 to 14,120 White and then to WaterShed 11,120 

while only two were required for the post and helix (bottom right). The entire post was printed 

before beginning the fabrication of the surrounding helix [230,240]. Reproduced from Wicker et 

al., 2009 with permission from Springer [230]. 

 

2.4.7 Photoinitiators and UV Blockers 

Photoinitiators are generally chosen for their absorption in the UV spectrum and low cytotoxicity, 

although cell viability is affected by many photoinitiators [244]. Irgacure 819 (phenylbis(2,4,6-

trimethylbenzoyl)phosphine oxide)) is used in SLA systems with higher wavelength (>400 nm) 

but it suffers from poor solubility. Irgacure 2959 (2-Hydroxy-1-(4-(2-hydroxyethoxy)phenyl)-2-

methyl-1-propanone) is perhaps the most widely used photoinitiator in tissue engineering 

applications due to its solubility in water. However, low absorption at wavelengths >370 nm results 

in long cure times for SLA systems with higher wavelength light sources. Irgacure TPO (diphenyl 

(2,4,6-trimethylbenzoyl) phosphine oxide), and DMPA (2,2-dimethoxy-2-phenylacetophenone) 

are also commonly used initiators, neither is water soluble. Recently, LAP (lithium phenyl-2,4,6-

trimethylbenzoylphosphinate) has gained attention for its potential in both tissue engineering and 

SLA [157, 245]. LAP has good absorption at both 365 nm and 405 nm light, low cytotoxicity, and 

is water soluble. The initiators used in commercial resins are not reported. 

 

UV blockers are used to decrease the depth to which radiation penetrates in the resin (DP) so that 

thinner layers of polymer can be polymerized to allow for overhanging structures. Increasing the 

quantity of UV blocker in a resin allows for the fabrication of parts with smaller feature sizes, but 

requires an increase in radiation [246]. A much greater variety of UV blockers (or UV absorbers) 
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than photoinitiators are used in Microstereolithography resins (Table 2.1). In addition, there do not 

appear to be any trends in UV blocker selection and as each research group appears to favor a 

specific UV blocker. 

 

2.4.8 Bioactive Additives and Cell-Containing Resins 

The addition of bioactive particles or peptide molecules can increase the adhesion of certain cell 

types and help direct differentiation. Hydroxyapatite (HA) and tricalcium phosphate (TCP), 

materials found in bone, can be added to ɛSL resins in the form of powder or microparticles [31, 

51, 189, 204]. The ceramic particles modify the scaffoldôs mechanical properties to allow for 

moduli that can mimic a variety of tissues [51]. The presence of these bioactive ceramics has been 

shown to improve cell adhesion and viability as well as promoting their differentiation into 

osteoblast-like cells [189, 204]. Optionally, the photopolymer can be burned out and the ceramic 

particles sintered together to create a hard, dense ceramic scaffold [31, 162]. Cellulose 

nanocrystals, which may have widespread applicability to tissue engineering due to their low 

toxicity, have been used as additives in SLA resins to improve the tensile strength and elastic 

moduli of printed objects [247, 248]. Peptide sequences that promote cell adhesion or 

differentiation can be incorporated in the resin or applied as a coating to the scaffold after it has 

been fabricated [191, 195, 196]. RGD is popular as it facilitates the adhesion of all adherent cell 

types while lysine-arginine-serine-arginine (KRSR) is used to promote the adhesion of osteoblast 

cells [203]. The inclusion of the growth factor bone morphogenetic protein-2 (BMP-2) 

encapsulated in microspheres into ɛSL-fabricated scaffolds has been found to enhance bone 

formation in vivo for both human adipose derived stem cells (hADSC) and MC3T3-E1 mouse 
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preosteoblasts [56, 213]. Finally, naturally derived proteins, such as fibronectin, can be coated onto 

scaffolds to promote attachment of adherent cell types [191]. 

 

One of the greatest drawbacks of SLA is that cells are not placed into the scaffold during the 

printing process, but instead seeded onto the scaffold after printing. Large scaffolds intended to 

repair or replace entire tissues would make this quite challenging. In addition, tissues are made up 

of multiple cell types and the tissues function arises from the arrangement of those cell types in 

relation to each other. To overcome this challenge, some groups have incorporated cells into the 

photopolymer resin prior to printing [156, 157, 184, 249]. Tuan et al. demonstrated the 

stereolithographic fabrication of parts containing hADSC in a PEGDA-based resin [157]. Notably, 

they used lithium phenyl-2,4,6-trimethylbenzoylphosphinate (LAP), a water soluble photoinitiator 

with demonstrated biocompatibility at low concentrations that strongly absorbs both visible and 

UV light [245]. Using a live-dead assay, they demonstrated >90% viability of cells in the scaffolds 

after seven days. Kim et al. used a similar process to incorporate NIH 3T3 mouse fibroblasts into 

PEGDA/GelMA hydrogels during printing [156]. Cell viability in their constructs was in excess 

of 80% after five days. It could be envisioned that in future work, multi-material stereolithography 

could be used to print parts containing multiple cell types arranged in a way that mimics native 

tissue. 

 

2.4.9 Feature Size 

Microstereolithography machines are differentiated from stereolithography machines by the 

resolution or feature size that they can achieve. Resolution is the most commonly reported quality 

parameter of ɛSL machines; however, the minimum feature size that can be fabricated using a 
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given resin is a much more informative measure of what the system is capable of building. The 

resolution of a machine can be a measure of many different parameters (e.g. motor step size, laser 

beam width, effective pixel size). Most ɛSL machines can fabricate features smaller than about 

150 ɛm but just a handful are capable of feature sizes smaller than 50 ɛm (Fig. 2.10, Table 2.1). 

 

The ability to build smaller feature sizes provides a distinct advantage in fabricating tissue 

scaffolds with greater surface area and porosity and allow for more complex designs [19]. 

Micropatterning can also be used to control cell adhesion and migration [250]. The optics of a ɛSL 

system are often the major factor in achieving smaller feature sizes [141]. In a Mask Projection 

ɛSL system, it is possible to incorporate imaging optics that will reduce the effective pixel size at 

the resin surface, but the build area will be proportionally minimized. Solutions (e.g. image 

stitching) will be important in fabricating tissue scaffolds that have both feature sizes and overall 

dimensions that are physiologically relevant. 
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Fig. 2.10. A variety of geometries have been fabricated using a very high resolution µSL system 

including (a) high porosity matrix with beam diameters of 5 µm; (b) high aspect ratio micro-rods 

in a 21 x 11 array; (c) micro springs with wire diameter of 25 µm; (d) horizontal beam with 

diameter of 0.6 µm. Reproduced from Sun et al., 2005 with permission from Elsevier [153]. 
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Fig. 2.11. Stereomicroscope images of the outer surface and cross-section of methylene-blue 

stained scaffolds fabricated in a gyroid geometry by µSL (left) or salt-leaching (right). Scaffolds 

were seeded with immortalized mesenchymal stem cells and cultures under static conditions for 5 

days. (top) The salt leached scaffold has significantly more cell proliferation on the scaffoldôs outer 

surfaces; (bottom) the printed scaffold has cells throughout the entire three dimensional structure 

while the interior of the salt- leached scaffold is nearly devoid of cells. Scale bars represent 500 

µm or 4 mm in the insets. Reproduced from Melchels et al., 2010 with permission from Elsevier 

[39]. (For interpretation of the references to colour in this figure legend, the reader is referred to 

the web version of this article.) 

 



58 

 

2.4.10 Scaffold Architecture and Mesostructure 

The architecture and mesostructure of a scaffold influence cell migration and growth through it 

[188]. This includes the shape and size of pores as well as the struts that define their boundaries. 

Relatively few scaffold architectures have been explored with ɛSL and other AM techniques 

(Table 2.1). Square (or log cabin) and offset square architectures are the most common, but 

hexagonal (honeycomb) and gyroid architectures have also been fabricated and others have been 

proposed (Fig. 2.11) [39, 188, 196, 251-253]. Tissues in the human body do not organize in such 

simple periodic architectures, but few researchers have fabricated biomimetic or organic scaffolds 

with ɛSL [188]. Several studies have shown that pore size and architecture of these scaffolds 

affects cell viability, but the variety of materials and cell lines used makes it difficult to assert 

broad conclusions as to which pore sizes and architectures are optimal [39]. In fact, it is likely that 

each combination of material and cell type has a unique optimal pore size and architecture. While 

the architecture and mesostructure of the scaffold affects cell viability, the more significant impact 

may be on differentiation and organization into functional units. However, the impact of 

architecture and mesostructure on differentiation has yet to be explored using ɛSL scaffolds. In 

addition to the three dimensional scaffold architecture, surface curvature, topography, and 

roughness can affect how cells adhere, align, and spread on a substrate [253-255]. Recent work 

has even shown that these surface characteristics can also impact cellular migration and 

differentiation [256]. ɛSL has the potential to create powerful environmental cues to help guide 

tissue formation by creating tissue scaffolds with designed geometry and surface characteristics. 

 

To supply nutrients and oxygen to all cells, thick tissue scaffolds require vascularization that 

cannot be fabricated with traditional scaffold fabrication techniques [58]. The fabrication of 
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scaffolds with ɛSL that have the blueprint for cells to create vascularization has been remarkably 

lacking in the literature, despite the sufficient capability of several systems and research groups. 

A tissue scaffold that has the potential for inducing vascularization should have a biomimetic 

capillary-like network of tubes or some other architecture that would allow for nutrient, oxygen, 

and waste flow between the surface and interior of the scaffold. When the fabrication of tube-like 

networks has been reported, they are standalone structures [190]. To generate large functional 

tissues, these capillary structures must be embedded in scaffolds to promote the growth of both 

parenchymal and endothelial cells (Fig. 2.12). 

 

 

Fig. 2.12. Stereomicroscope images of methylene blue-stained cells on gyroid scaffolds after 20 

days of static culture. Scale bars are 500 µm (left) and 2 mm (right). Cell viability is markedly 

reduced after 20 days due to the lack of vascular structures incorporated into the tissue scaffold. 

Reproduced from Melchels et al., 2010 with permission from Elsevier [39]. (For interpretation of 

the references to colour in this figure legend, the reader is referred to the web version of this 

article.) 
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2.5 Future Directions of ɛSL 

The application of ɛSL for the fabrication of tissue scaffolds presents a significant opportunity and 

will see increased development in the coming years. Future improvements in the technology will 

help it to overcome the limitations that prevent the fabrication of tissue scaffolds that can be used 

in clinical settings. While challenges remain, there are many opportunities for the development of 

more suitable materials, improvements in scaffold design and feature sizes, and the incorporation 

of vasculature. 

 

The lack of a diverse palette of biodegradable and cytocompatible materials presents a significant 

impediment to fabricating clinically relevant scaffolds using ɛSL. In fact, a lack of varied materials 

is a challenge that plagues not only SLA, but all AM technologies [161, 257]. As ɛSL continues 

to gain traction as a viable method for creating tissue scaffolds, researchers will be looking to 

synthesize novel materials that are better suited for the fabrication process [198]. Some of these 

will be synthetic materials containing peptides, additives, or other molecules that facilitate cell 

adhesion, proliferation, and differentiation. Researchers will also modify a greater number of 

natural and renewable polymers for use in ɛSL, such as recent work using soybean oil and keratin 

[239, 258]. Synthetic and natural photopolymers will be blended to derive beneficial properties 

from each, as has recently been demonstrated by Wang et al. [156]. A wider variety of suitable 

materials will allow for a greater range of mechanical and degradation properties in scaffolds that 

are essential for replicating tissues with very different properties (e.g. bone and hepatic tissue) 

[215]. Finally, the fabrication of multi-material scaffolds will allow for the creation of more 

complex multicellular tissues that could not be achieved by using single material scaffolds. 
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ɛSL allows for unprecedented control over the architecture and mesostructure of tissue scaffolds 

that cannot be achieved with traditional fabrication techniques or other AM technologies. This 

presents researchers with a unique opportunity to explore how scaffold architecture can influence 

cellular adhesion and migration [39, 259, 260]. To date, only a handful of simple architectures 

have been investigated, and the number of biomimetic or naturally inspired scaffolds is even fewer. 

It is likely that the architectures that researchers fabricate will soon become more complex and 

begin to mimic the actual architectures of human tissue. Cell biologists may also be able to glean 

insight on how cells interact with their three dimensional environment [253]. Understanding the 

influence of architecture and mesostructure on cells will allow researchers to create design rules 

for tissue scaffolds that will apply not only to ɛSL but to the wider field of Tissue Engineering. 

 

The inability to generate vasculature in tissue engineering constructs has plagued researchers for 

more than two decades. Traditional techniques are simply unable to fabricate scaffolds that include 

both small pores as well as a network of larger pores that allow nutrient and oxygen perfusion 

through the scaffold. The fabrication of tubular networks that resemble vasculature have been 

demonstrated with ɛSL and the next steps for determining whether vasculature can be formed from 

these networks by incorporating them into scaffolds should receive considerable attention. 

 

Tissue scaffolds for the repair of bone is the focus of much current research in ɛSL. Osteoblasts 

tend to prefer larger pore sizes in tissue scaffolds, which are easier to fabricate than small pore 

sizes. To fabricate tissue scaffolds suitable for cell types that prefer smaller pores will necessitate 

improvements in the feature sizes that ɛSL machines can achieve. It is unclear the extent to which 

sub-micron feature sizes in tissue scaffolds would be beneficial, but features on the order of 10 ɛm 
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are achievable and would be advantageous for certain types of cell culture and tissue organization 

(e.g. renal structures) [153]. Because of the advantages of fabricating such small features, more 

ɛSL machines with similar capabilities will likely be developed despite the challenges. However, 

projection ɛSL machines with optics that focus the light path into a very small build area are unable 

to build scaffolds with a large footprint. A promising solution is to use image stitching where 

patterned light is focused to several build areas in succession for the fabrication of a single layer. 

In this scenario, high resolution is retained while allowing for the fabrication of much larger objects 

[176]. 

 

In addition to the regeneration and repair of tissue, ɛSL will find use in fabricating other three 

dimensional structures with micron-sized features. Researchers have fabricated scaffold structures 

to elucidate the underlying mechanisms of arterial thrombosis [261] and cancer metastasis and 

migration [262, 263]. ɛSL has also been leveraged for the fabrication of microfluidics with three 

dimensional components that could not otherwise be fabricated [264, 265]. These structures have 

been used as static mixers [266, 267] and chemical reactionware [268]. ɛSL made microfluidics 

have also been used for pathogen detection, which may suggest future use of ɛSL for the 

fabrication of micro-sensors [269]. The geometric constraints of conventional MEMS fabrication 

can be circumvented with ɛSL to create functioning microactuators with unique geometries [270]. 

Finally, future developments may allow for organ-on-a-chip devices that combine aspects of both 

microfluidics and tissue scaffolds to create realistic human models that could greatly accelerate 

drug discovery, more accurately assess their toxicity, and perhaps even eliminate the need for 

animal models [108, 264, 265, 271, 272]. 
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3.1 Abstract 

Future advances in tissue engineering depend on the ability to fabricate complex scaffolds with 

predesigned geometry, pore size, high permeability, and a vascular network. Additionally, 

scaffolds must support cellular adhesion, proliferation, and potentially influence cellular 

differentiation to permit the generation of de novo tissue. Traditional scaffold fabrication 

techniques can be used to process a wide variety of biodegradable materials with low cytotoxicity 

and a range of material properties, but have only partial control over the geometries generated. Vat 

photopolymerization (VP), an additive manufacturing process also known as stereolithography, 

fabricates three-dimensional parts by selectively curing a photopolymer resin, layer-by-layer, 

based on a computer aided design (CAD) model. VP allows the fabrication of complex scaffolds 

with tailored geometry and micrometer resolution. VP, however, has a very limited palette of 

materials from which to choose. No commercially available VP resins that promote cell adhesion 

and proliferation currently exist. Resins described in the literature require significant synthetic 
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expertise or yield poorer resolution than commercial VP materials. In this work, a novel resin 

based on 2-acrylamido-2-methyl-1-propanesulfonic acid (NaAMPS) and poly(ethylene glycol) 

diacrylate (PEGDA) was formulated. Its curing kinetics were investigated to develop parameters 

that enabled high resolution printing. High resolution scaffolds were fabricated which 

demonstrated physiologically relevant water contents and elastic moduli. Murine fibroblasts 

proliferated on films and three-dimensional tissue scaffolds, suggesting that the resin developed 

could be suitable for tissue engineering applications. 
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3.2 Introduction  

Recent growth in the use of additive manufacturing (AM, 3D printing) in medicine has led to the 

3D printing of biomedical implants, surgical tools and jigs, and tissue engineering constructs, to 

name but a few examples [1ï5]. Bioprinting, the AM of three-dimensional parts for use in 

regenerative medicine or tissue engineering, is a promising technique in overcoming some of tissue 

engineeringôs most important challenges, particularly that of generating vascularization [6,7]. 

Several AM technologies have been employed for tissue scaffold fabrication, including vat 

photopolymerization [8], material jetting [9], material extrusion [10], powder bed fusion [11], and 

binder jetting [12]. Vat photopolymerization (VP, also referred to as stereolithography) is an AM 

technology that uses patterned UV light to selectively photopolymerize thin layers of resin one on 

top of another to fabricate three-dimensional parts [5]. The precise spatial and temporal control of 

light afforded by Digital Light Processing (DLP) technology permits the fabrication of features as 

small as 3 ɛm [13,14]. Microstereolithography systems are VP machines capable of fabricating 

feature sizes smaller than about 100 ɛm. (Multi-photon polymerization (MPP, 2PP), a related AM 

process, can fabricate features as small as 100 nm [15].)  

 

Due to the high resolution that it affords, VP is gaining traction as a tool for the fabrication of 

tissue scaffolds [5]. However, VP has traditionally been limited to a narrow range of materials 

[2,13,16]. For the most part, commercial resins are based on low molecular weight synthetic 

acrylate, methacrylate, and epoxide monomers that result in hard but brittle parts. These resins do 

not have properties suitable for tissue scaffolds (e.g., low cytotoxicity, high cell adhesion) as they 

were developed for rapid prototyping applications rather than biomedical applications. In addition, 

resins were formulated with low MW monomers and oligomers, as they typically provide low 
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viscosity (less than about 5 Pa·s) to allow for rapid recoating of thin layers [13,17]. Recent 

advances in VP have demonstrated fabrication with novel materials having unique properties 

including ionic conductivity [18], shape memory effect [19], Class IIA biocompatibility [20], and 

excellent thermomechanical properties [21]. In addition, tissue scaffolds have been fabricated 

using both synthetic and natural photopolymer resins that have been developed for VP. The 

synthetic polymers used for VP typically have poor cellular adhesion and proliferation compared 

to natural materials, and thus are often surface-treated prior to cell culture [22ï24]. Natural 

polymers provide an excellent substrate for cell growth but are more challenging to build into 

scaffolds and result in poor resolution, particularly along the print (build) direction [25ï28].  

 

Most previous work that uses VP to fabricate tissue scaffolds has focused on poly(propylene 

fumarate) (PPF) diluted in its monomer, diethyl fumarate (DEF). Synthetic techniques have been 

thoroughly documented [29], but require a well-equipped wet lab, nearly a dozen reagents and 

materials, and synthesis expertise. Access to gel permeation chromatograph (GPC) equipment for 

the determination of molecular weight is also needed. Finally, the synthesis and purification 

requires several days. The techniques for synthesis of other photopolymers for scaffold fabrication 

using VP are not as meticulously documented in the literature, but have equipment, material, and 

expertise requirements nonetheless [30,31]. Commercial oligomers that do not require synthesis 

demonstrate inferior cellular adhesion and proliferation and thus require surface modification or 

the inclusion of bioactive molecules (e.g., acrylated polypeptides) [32]. Recent work has shown 

that epoxidized soybean oil acrylate, which requires no synthesis, can be used with VP for the 

fabrication of patterned structures [25]. However, scaffolds are only shown from the top surface 

and it is unclear whether they contained more than a single layer or whether high resolution in the 
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vertical axis could be obtained. Adhesion and proliferation of human bone marrow mesenchymal 

stem cells on the material was similar to that on polycaprolactone and polylactic acid surfaces, 

although adhesion and proliferation of cells on the negative control, polymerized PEGDA, was 

considerably higher than other literature would suggest [32,33]. 

 

Resins for VP based on functionalized natural polymers have become more prevalent in the 

literature due to their low cytotoxicity and excellent cell adhesion properties. Much of the recent 

work has focused on methacrylate functionalized gelatin (GelMA). Several groups have reported 

the printing of GelMA or GelMA-containing resins and the successful proliferation of cells on the 

printed parts [34ï37]. However, the structures fabricated are either two-dimensional or lack any 

porosity in the direction of printing. Even with the addition of UV absorbers, the high water content 

and low volumetric density of crosslinking groups in GelMA resin make it very challenging to 

fabricate thin layers that would permit high resolution in the print direction. Advances in machine 

or resin development will need to be made before the fabrication of high resolution three-

dimensional scaffolds from GelMA can be achieved.  

 

Many synthetic photopolymers that show good cell adhesion and proliferation have been processed 

using traditional scaffold fabrication techniques but have not yet been incorporated into VP resins 

for biomedical applications [38]. One of these, the sodium salt of 2-acrylamido-2-methyl-1-

propanesulfonic acid (NaAMPS) dissolves readily in water and forms a hydrogel when 

polymerized (pNaAMPS). Endothelial cells have been found to grow on hydrogels of pNaAMPS 

crosslinked with N,Nô-methylenebisacrylamide without any protein surface modification [39]. 

Further, the negative charge of pNaAMPS hydrogels encourages cellular adhesion, proliferation 
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and growth to confluence, possibly due to improved adsorption of protein-containing serum onto 

the gel [39,40]. 

 

It is clear that developing a wider palette of resins that permit the fabrication of high resolution 

tissue scaffolds while simultaneously encouraging cellular adhesion and growth will greatly 

advance the use of VP in the fields of regenerative medicine and tissue engineering. This study 

describes the formulation and characterization of one such resin, based on commercially available 

components, including NaAMPS. Notably, no synthesis or solvents are required to prepare the 

resin. The incorporation of a UV absorber and the development of print parameters permit the 

fabrication of high resolution porous structures using a mask projection Microstereolithography 

system (MPɛSL). Printed parts have physiologically relevant mechanical properties and high 

water contents. NIH3T3 mouse fibroblasts adhered and proliferated on both cast films and 3D 

printed tissue scaffolds fabricated from the resin. 

 

3.3 Materials and Methods 

3.3.1 Resin Preparation 

A resin for 3D printing was formulated from a NaAMPS solution (50 wt% in H2O, Sigma Aldrich) 

and poly(ethylene glycol) diacrylate (PEGDA, MW = 575, Sigma Aldrich). The NaAMPS solution 

and PEGDA were mixed in a 3:1 ratio by weight. NaAMPS-PEGDA resins were formulated with 

1 wt% 2,2-dimethoxy-2-phenylacetophenone (DMPA, TCI Chemicals) photoinitiator and varying 

quantities of avobenzone (0-0.50 wt%), a UV absorber with an absorbance peak at ɚ = 357 nm. 

 

3.3.2 Photorheology 



85 

 

Photorheology was performed on a TA Instruments DHR-2 rheometer coupled with an Omnicure 

S2000 light source and SmartSwapÊ UV geometry. A 20 mm quartz parallel plate geometry was 

used to permit efficient transmission of light. Samples were loaded with a 500 ɛm gap, equilibrated 

for 1 min, and irradiated while being subjected to a 0.3% oscillatory strain at 1 Hz. The light 

intensity was calibrated using a Silverline radiometer with a 20 mm diameter sensor. 

The experiments for avobenzone concentration selection were conducted with a UV light intensity 

of 5.4 mW/cm2. 

 

3.3.3 Mask Projection Microstereolithography 

In VP, three-dimensional parts are fabricated by successively curing thin layers of photopolymer 

(Fig. 3.1). A light source creates a beam of UV light that passes through a series of optics that 

collimate and homogenize the light. In mask projection VP, the beam of light is selectively 

patterned onto the resin surface by reflecting it off of a digital micromirror device (DMD), which 

provides a dynamic mask for changing the projected shape. A pattern corresponding to a single 

layer of a CAD model is displayed on the DMD by selectively actuating mirrors to permit the 

reflection of light towards the build area. Alternatively, scanning VP creates patterned light by 

rastering a laser beam over the resin surface. In both cases, the patterned light photopolymerizes 

the thin layer of resin between the surface of the resin and the immersed build platform. The build 

platform, mounted on a linear actuator, then moves down a single layer thickness before the 

process repeats for each layer of the part. 
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Fig. 3.1. Schematic view of mask projection vat photopolymerization. Collimated light is patterned 

using a dynamic mask onto the surface of the resin where photopolymerization occurs. Thin layers 

of photocured resin are stacked one on top of another as the build platform is further submerged 

into the resin. 

 

Tissue scaffolds were fabricated using a custom lab-built mask projection Microstereolithography 

(MPɛSL) system. Light from a Hamamatsu LightningCure LC-L1V3 365 nm source was 

expanded, collimated, and homogenized through a series of optics. This light beam was reflected 

off a Texas Instruments DLP6500 chip to produce a patterned light beam. Additional optics 

reduced the size of the beam by a factor of two to create a build area measuring approximately 4 

x 7 mm. This optical setup yielded an effective micromirror pitch of 3.78 ɛm and a light intensity 

of 15.0 mW/cm2 at the build plane. A build platform was actuated using a Zaber T-LSR075A 

motorized linear slide. All components were controlled using a custom LabView VI. 
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3.3.4 Resin Selection and Development of Print Parameters 

The generation of a working curve, a semilog plot of cure depth and exposure for a resin, is useful 

for the determination of print settings (e.g., exposure time, layer thickness). The Jacobs equation 

(Equation 3.1), derived from the Beer-Lambert law, relates a resinôs intrinsic material properties, 

depth of penetration (DP) and critical exposure (EC), with maximum cure depth (CD) and total light 

exposure (E). The attenuation of light in a resin is defined by its DP, while the exposure required 

to begin gelation of the polymer is the resinôs EC. A linear relationship is observed when CD is 

plotted against E on a semi-log plot for a given resin. The x-intercept corresponds to EC and the 

slope to DP. This constitutes the working curve [5,41]. 

# $ÌÎ      Equation 3.1 

Data for working curves were collected for resins formulated with avobenzone concentrations 

between 0 and 0.30 wt%. First, a beaker of resin was placed in the MPɛSL system with the resin 

surface at the focal plane. All the DMD micromirrors were set to the óonô position to irradiate the 

surface of the resin over the entire build area (4 x 7 mm) for a known exposure, E. The free-floating 

films produced were then retrieved from the resin surface using tweezers, blotted dry, and their 

thickness, corresponding to CD, measured using a micrometer. Four samples at three different 

exposures were measured. The resinôs DP and EC were calculated using the Jacobs equation and 

used to determine the exposure time required to cure 50 ɛm layer thickness. 
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Fig. 3.2. Three-dimensional projection (A) and view along the x, y, or a axis (B) of computer aided 

design (CAD) models of a tissue scaffold with square pores measuring 400 ɛm in width and a solid 

cube. Both digital models were sliced into layers 50 ɛm thick for printing. 

 

3.3.5 Equilibrium Water Content 

Solid cubes and porous scaffolds were used to determine the equilibrium water content of printed 

pNaAMPS-PEGDA parts fabricated on the MPɛSL system. The scaffold and cube measured 3.73 

mm and 4 mm on each side respectively and the scaffolds had 400 ɛm pores framed by square 

struts 133 ɛm in thickness (Fig. 3.2). Since the part was sliced into 50 ɛm layers, two thirds of the 

horizontal struts were 150 ɛm in height and one third were 100 ɛm. The scaffolds had a nominal 

porosity of 84.4% and 270 mm2 of surface area. The cubeôs nominal surface area was 96 mm2. 

 

3.3.6 Compression Testing 

Unconfined compression testing was used to determine the compressive moduli of printed parts 

and was compared to literature values of a variety of native tissues. Scaffolds and cubes identical 

to those used for water content testing (Fig. 3.2) were printed, washed, post-cured, and then 

swollen in PBS overnight prior to testing. Samples were compressed at a rate of 1 mm/min with 



89 

 

an Instron 5500R tensile frame utilizing a compression geometry and 1 kN load cell. The load axis 

of the scaffolds and cubes was the same as the direction of print. 

 

3.3.7 Fibroblast Seeding and Cytotoxicity Evaluation 

Films of the resin were cast in circular silicone molds and photocured using a 6 W UV lamp with 

wavelength of 365 nm for 10 min (2 mW/cm2 at a distance of 100 mm). The films were then 

swollen in deionized water overnight and a circular punch used to trim each 1 mm thick film to a 

diameter of 13 mm. The films were then washed three times in 70% ethanol for 1 h. Subsequently, 

two washes were performed in sterile PBS to remove ethanol and one wash in complete media to 

allow proteins to adhere to the film surface. The films were placed in an untreated 24-well 

polystyrene plate. NIH3T3 murine fibroblasts (ATCC) were cultured in Dulbecco's Modified 

Eagle Medium (Gibco) with 10% fetal bovine serum (Gibco) and 1% penicillin-streptomycin-

amphotericin B (Gibco). NIH3T3 were suspended in fresh media and 1 x 104 cells seeded on each 

film. The same quantity of cells was seeded in wells of a 24-well tissue culture treated polystyrene 

(TCPS) plate as a positive control. The well plates were incubated in standard conditions and media 

replaced every two to three days. 

 

After seven days, an MTS (CellTiter 96, Promega) assay containing 3-(4,5-dimethylthiazol-2-yl)-

5-(3-carboxymethoxyphenyl)-2-(4-sulfophenyl)-2H-tetrazolium was performed to quantify cell 

proliferation using a previously described protocol [42]. The films were moved to a new plate for 

testing. Fresh media was placed in the wells containing the films, the wells from which the films 

were moved, the TCPS wells, and empty TCPS wells as an assay control. MTS assay (100 ɛL) 

was added to each well and incubated for 2 h. Solution (100 ɛL) was transferred to a 96 well plate 
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and its absorption was measured at 490 nm using a BioTek Synergy Mx plate reader. The cell 

density of cells cultured on pNaAMPS-PEGDA films was calculated based on the area of the film 

while the area of the well plate was used for TCPS calculations. 

 

3D printed tissue scaffolds with 400 µm pores (Fig. 3.2) were washed in ethanol, PBS, and media 

with the same techniques used for pNaAMPS-PEGDA films. Scaffolds were placed in Costar 

Ultra-Low Attachment Microplates (Corning) and a suspension containing 5 x 104 cells pipetted 

onto the scaffold. After incubating for 4 h to permit adhesion of cells onto the scaffolds, 1 mL of 

media was added to each well. Media was replaced every 2-3 days and the MTS assay conducted 

using the same procedure as the films. 

 

In preparation for staining, cells were fixed with a formaldehyde and Triton X-100 solution, rinsed, 

and post-fixed as previously reported [43]. Scaffolds were stained with 1 ɛM Texas Red-X 

Phalloidin (Invitrogen) and 150 nM DAPI (4',6-diamidino-2-phenylindole, dihydrochloride, 

Invitrogen) in the dark for 1 h. The scaffolds were then rinsed with PBS and stored in the dark at 

4 °C. A Zeiss Axio Observer.Z1 microscope with laser scanning confocal imaging capability was 

used to capture images of the scaffolds (Zen 2.3 blue edition, Zeiss). A Plan-Apochromat 10x 

objective (Zeiss) with 0.45 numerical aperture was used with two lasers and a 53 µm pinhole 

diameter. A three-dimensional representation showing the location of nuclei and actin around a 

scaffoldôs pore was created by collecting fluorescent images in multiple adjacent locations and at 

many different focal depths. To allow imaging of an entire pore, a motorized stage moved the 

sample while taking images in four locations (10% tile overlap). At each of these locations, images 

were taken at 25 focal planes (5.29 µm spacing) to permit imaging of cells along the surfaces of 
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the scaffoldôs struts. Background subtraction to remove fluorescence caused by the scaffoldsô 

uptake of DAPI and reconstruction of the images into a three-dimensional model was completed 

using the Zen software package. 

 

3.3.8 Statistics 

Data were compared using ANOVA followed by Tukeyôs HSD post-hoc test using Origin 2019 

software. 

 

3.4 Results 

3.4.1 Photorheology 

Photorheology studies reveal that the addition of avobenzone to the resin results in increased time 

to gelation, the point at which the storage modulus becomes greater than the loss modulus. 

However, UV absorber concentration appears to have little effect on the plateau storage modulus 

of the gel, with all samples having a modulus of approximately 2 MPa after 90 s of irradiation 

(Fig. 3.3). The onset of gelation was delayed in samples with higher avobenzone concentrations. 

The formulation with 0.50 wt% avobenzone eventually reached a similar plateau modulus, but 

because more than a minute was required, this formulation was not considered further. 

 



92 

 

 

Fig. 3.3. Photorheology of resins formulated with differing avobenzone concentrations all resulted 

in gels with storage moduli above 106 Pa, although higher concentrations required more time to 

achieve the target modulus. 

 

3.4.2 Print Parameters and Tissue Scaffold Fabrication 

Working curves generated for each resin formulation showed that increased UV absorber 

concentration resulted in smaller DP and higher EC, as expected (Fig. 3.4). The resins formulated 

without avobenzone or with 0.05 wt% and 0.10 wt% concentrations had DP values greater than 

100 µm (1060, 143, and 129 µm, respectively) which suggests curing well-defined 50 µm layers 

of these resins would be difficult. The lowest concentration of avobenzone to result in a resin with 

a DP of less than 100 µm was 0.20 wt% (92 µm). The resin with 0.30 wt% avobenzone had a DP 

of just 51 µm, but the increase in EC and decrease in DP meant that it would take twice as long to 

cure 50 µm layers than the resin containing 0.20 wt% avobenzone. To fabricate scaffolds with 50 



93 

 

µm layers, the resin containing 0.20 wt% avobenzone was selected. Researchers who would like 

to build parts more quickly with thicker layers could choose to print a resin with a lower 

concentration of avobenzone while those who aim to create smaller feature sizes with high fidelity 

could instead choose to formulate a resin with 0.30 wt% of the UV absorber.  

 

 

Fig. 3.4. A) Working curves of resins formulated with various concentrations of avobenzone show 

a decrease in the depth of penetration DP and increase in critical exposure EC as more UV absorber 

is added. B) Side view of a 3D printed tissue scaffold fabricated with a custom MPµSL system. 

Scale bar represents 500 µm. 

 

The scaffolds and cubes were printed with 50 ɛm layers, washed in deionized water, and post-

cured. Optical microscopy of the scaffolds showed that the pores had heights and widths measuring 

about 350 ɛm rather than the 400 ɛm dimensions of the digital model (Fig. 3.4). In addition, the 

pillars were slightly wider than designed. These dimensional inaccuracies were attributed to 

swelling of the scaffold during cleaning with water, however, slight overexposure of the layers 

during printing could have been a contributing factor. 
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3.4.3 Equilibrium Water Content of Printed Parts through TGA 

After dehydration of the PBS-swelled parts through TGA, the average water content was found to 

be 72 wt% (Fig. 3.S1). Even though the resin is 25 wt% water, this demonstrates a large increase 

in water content of the gel after washing, which is likely to be beneficial for cell adhesion and 

proliferation. This large water uptake caused some dimensional change in the scaffold due to 

swelling of the pillars, however the scaffold remained patent. The water content of the printed gels 

is similar to that of human cartilage (60-85%) [44]. In addition, the presence of Na+ ions in the gel 

aids in water retention, just as in the ECM. These results suggest applicability of the resin for 

fabricating tissue scaffolds for connective tissue. 

 

3.4.4 Compression Testing 

The bulk compressive modulus of PBS-swelled pNaAMPS-PEGDA was found to be 312 MPa ± 

12 MPa, between those of mandibular trabecular and cortical bone (Table 3.1). However, printed 

scaffolds with 400 µm pores with 84% porosity had a substantially lower effective modulus of 902 

kPa ± 165 kPa (Fig. 3.5). This is more in line with the moduli of connective tissues including 

cartilage and dermis. Scaffolds fractured after 11.4% compressive strain, ± 1.1% and compressive 

strengths of 175 kPa ± 12 kPa. These data suggest that pNaAMPS-PEGDA scaffolds would be 

suitable for tissue engineering of connective tissue, particularly skin and cartilage. 
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Fig. 3.5. A) Representative stress-strain curve of a printed pNaAMPS-PEGDA scaffold with 400 

µm square pores and 84% porosity. B) 3D printed scaffold with a complex structure demonstrates 

the high resolution and fidelity that can be achieved. The scaffold was imaged at 45° so that two 

faces are visible simultaneously. During printing, layers photocured in the xy plane are stacked 

along the z-axis. The scale bar represents 1 mm. 

 

Table 3.1. Compressive moduli of pNaAMPS-PEGDA compared with native tissues 

Material  Modulus Ref. 

Cortical bone 5-10 GPa [45] 

Bulk pNaAMPS-PEGDA 312 MPa  

Mandibular trabecular bone 56 MPa [46] 

Renal capsule 7-16 MPa [47] 

Renal cortex (high strains) 1.2 MPa [47] 

Dermis 0.4-2.2 MPa [48] 

pNaAMPS-PEGDA scaffold 0.9 MPa  

Cartilage 0.3-1.5 MPa [44,49] 

Renal cortex (low strains) 15 kPa [47] 

Adipose tissue 0.4-1.7 kPa [50] 

 

3.4.5 Cell Adhesion and Cytotoxicity 
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After seven days of culture, the NIH3T3 fibroblasts were found to have adhered and proliferated 

both on top of the films as well as on the well plate directly below the films. The cells did not 

proliferate on the perimeter of the untreated well where no pNaAMPS-PEGDA was present. The 

fibroblasts proliferated across the entire well on the TCPS plate. 

 

After seven days of culture, NIH3T3 cell density was nearly as high both on the top surface of the 

films as well as underneath them on the well plate (Fig. 3.6). The differences in cell densities 

between the samples and control were not significant. The excellent proliferation of NIH3T3 on 

pNaAMPS-PEGDA suggests this copolymer could be a suitable material for the fabrication of 

tissue engineering scaffolds. 

 

 

Fig. 3.6. Cell densities on the top and bottom of the pNaAMPS-PEGDA films were both slightly 

less than that on the TCPS well after 7 d, but this difference was not significant (p > 0.05). 
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However, the sum of the cell counts on top and underneath the film was greater than that in the 

TCPS wells.  

 

Cell culture on 3D printed pNaAMPS-PEGDA tissue scaffolds with 400 µm pores showed a 

significant increase in total cell count on scaffolds as culture time increased (Fig. 3.7a). One-way 

ANOVA followed by a post-hoc Tukeyôs HSD test showed that the differences in cell counts at 1, 

4, and 7 days of culture were significant at the p < 0.001 level. Fluorescence images of scaffolds 

stained with Texas Red and DAPI, which stain for actin and nuclear material respectively, 

confirmed murine fibroblast adhesion to the struts of the scaffold (Fig. 3.7b). The crosshatch 

pattern of the scaffold is clearly demarcated by the presence of cell nuclei. The cells were able to 

move along the 3D printed struts and spread across the edges of the pores. Fluorescence imaging 

confirms the ability of NIH3T3 fibroblasts to adhere and proliferate on three-dimensional tissue 

scaffolds fabricated from pNaAMPS-PEGDA using MPµSL. 

 

Fig. 3.7. Cell adhesion and proliferation on 3D printed pNaAMPS-PEGDA tissue scaffolds. A) 

The total number of cells on scaffolds, determined through an MTS assay, was significantly 
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different proportional to culture time (***p < 0.001). B) Representative stacked and tiled confocal 

image of DAPI (blue) and Texas Red-X (red) staining showed proliferation of fibroblasts on the 

scaffold after 7 d. 

 

3.5 Discussion 

In this report, a photocurable resin was developed for the fabrication of high resolution tissue 

scaffolds using MPµSL. Notably, no specialized chemical synthesis was required as all 

components of the NaAMPS-PEGDA resin are commercially available. This is in contrast to the 

majority of photocurable resins reported in the literature for the fabrication of tissue scaffolds with 

VP. The resin reported here has substantially improved cellular adhesion compared to resins 

formulated from synthetic polymers that require no synthesis while simultaneously offering 

considerably better printing resolution, particularly in the print direction, than modified natural 

polymers. 

 

NaAMPS-based hydrogels have been shown to allow fibroblast attachment and proliferation [39]. 

However, without the use of a crosslinking agent, pNaAMPS forms linear polymer chains resulting 

in a low modulus gel that does not hold its shape (Fig. 3.S2). To fabricate high resolution structures 

that could easily be handled after printing, PEGDA, which has previously been used to fabricate 

complex structures with MPµSL, was added to NaAMPS to participate in the photopolymerization 

reaction as a crosslinker [22,51]. On its own, photopolymerized PEGDA forms gels that have 

shown success in vivo, however, due to the bioinert nature of the gels, cellular adhesion is 

extremely low [32,33]. The combination of these two monomers resulted in a printable resin whose 

gels promoted fibroblast attachment and proliferation. 



99 

 

 

Resins with a range of avobenzone concentrations were investigated to determine a concentration 

of UV absorber that facilitated efficient curing of thin layers. While DMPA and avobenzone are 

soluble in PEGDA, they are insoluble in a NaAMPS-H2O solution. The lowest concentration of 

PEGDA that produced a miscible solution with NaAMPS-H2O, DMPA, and avobenzone 

(approximately 25 wt%) was selected. Resins containing 75 wt% NaAMPS and 25 wt% PEGDA 

were found to be readily printable and produced photocrosslinked parts that were stable when 

placed in deionized water and phosphate buffered saline (PBS). Photorheology was used to 

characterize the curing kinetics and plateau storage modulus of resins with avobenzone 

concentration between 0 and 0.5 wt%. Slow curing kinetics result in print times that are excessively 

long. Additionally, if the modulus of the cured gel is too low, the printed part will not maintain its 

structural integrity during printing, cleaning, and handling. When selecting amongst the resins 

formulated with varying avobenzone concentrations, only those that achieved a storage moduli 

greater than 1x106 Pa with 60 s of irradiation were considered to ensure adequate strength of gels 

and rapid printing. The resin with the highest avobenzone concentration (0.50 wt%) was ruled out 

as a viable resin formulation due to its slow curing kinetics. 

 

Three-dimensional printing of high resolution tissue scaffolds with 400 µm pores and 84% 

porosity was achieved with a resin containing 0.20 wt% avobenzone. Thin, accurate layers were 

fabricated through the development of a working curve to obtain optimized print parameters. Pore 

sizes were measured to be slightly smaller than designed (Fig. 3.4). This can be attributed to the 

printed partsô absorption of additional water during cleaning. Despite these small deviations from 

the intended dimensions, print fidelity was significantly better than what has been demonstrated 
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with modified natural polymers fabricated with MPµSL in the direction of print (which is often 

not imaged) [25,37]. Because of the difficulty in fabricating scaffolds with porosity in the direction 

of print, MPµSL-based fabrication of natural polymers typically is limited to fabricating high 

resolution 2D patterns rather than complex 3D shapes [34,36]. Even higher fidelity could be 

achieved with pNaAMPS-PEGDA by increasing avobenzone concentration to 0.30 wt% (or even 

higher), but print times would be approximately doubled. The resinôs swelling ratio could be used 

to adjust the digital model to account for the small discrepancy in pore size between the model and 

printed part due to swelling of the gel. 

 

A substrateôs stiffness can have a substantial influence on adherent cell morphology and can 

influence proliferation, differentiation, or even cause apoptosis [52]. More favorable outcomes are 

achieved when cells are seeded on materials with moduli that mimic those of their native tissue 

[53]. The bulk compressive modulus of swelled pNaAMPS-PEGDA hydrogels has a modulus 

somewhat higher than that of mandibular trabecular bone, which is quite soft compared to other 

bone tissue [46]. The gelôs bulk compressive modulus is significantly higher than that of soft tissue 

such as dermis and renal cortex, however, the effective moduli of porous 3D printed tissue 

scaffolds were approximately 1 MPa, more than two orders of magnitude lower than the solid 

samples. This value is comparable to the compressive moduli of connective tissues, including 

dermis and cartilage. The mechanical properties of NaAMPS-PEGDA scaffolds are likely 

particularly well suited for cartilage engineering, as it experiences relatively small strains in vivo. 

Tensile tests on tissue scaffolds, which are more difficult to carry out than compression tests, will 

help further evaluate NaAMPS-PEGDAôs suitability for use in skin engineering. A wider range of 

effective moduli can be obtained by fabricating scaffolds with higher or lower porosities and by 
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varying crosslink density in the gel [54]. For example, the selection of a higher molecular weight 

PEGDA would result in decreased crosslink density and modulus, while substitution for a small 

molecule trifunctional or tetrafunctional acrylate would create a harder gel. A NaAMPS-PEGDA 

resin formulated with a higher molecular weight PEGDA could be well suited for engineering even 

softer tissues (e.g., kidney and liver tissue). 

 

The modification of natural polymers, including gelatin [34], keratin [55], collagen [56], and 

chitosan [57], and hyaluronic acid [28] with photopolymerizable pendant groups for printing with 

VP has recently become more common. The low cytotoxicity, high cellular adhesion, and the 

opportunity for hydrolytic or enzymatic degradation all lend to the appeal of natural polymers. 

Unfortunately, because of the high DP of light into these resins, fabrication of high resolution 

features in the print direction has proven challenging. Resins formulated with synthetic monomers 

and oligomers demonstrate much better fabrication results due to their high volumetric 

crosslinking densities and low water concentrations. However, the commercially available 

monomers (e.g., PEGDA) and even many of those that require synthesis, have poor cellular 

adhesion and proliferation in vitro without surface modification or addition of bioactive molecules 

[22]. In this work, we successfully overcame these challenges by formulating and printing a resin 

that combines an oligomer with demonstrated printability (PEGDA) with a monomer that 

encourages cellular adhesion and growth (NaAMPS) [39].  

 

Fibroblasts seeded on films and three-dimensional scaffolds in vitro showed excellent proliferation 

after seven days. On two-dimensional films, an MTS assay showed that cellular proliferation on 

photopolymerized pNaAMPS-PEGDA was comparable to tissue culture treated polystyrene (Fig. 
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3.6). This is substantially better than other monomers suitable for MPµSL-based fabrication of 

tissue scaffolds that do not require synthesis (e.g., PEGDA) and comparable to PPF/DEF, which 

requires a multi-day synthesis. Further, an MTS assay after 1 day of culture revealed that 

fibroblasts had excellent adhesion to printed scaffolds. Cell count increased significantly between 

1 and 4 days of culture and again between 4 and 7 days of culture. Confocal fluorescence imaging 

confirmed the ability of the fibroblasts to adhere and proliferate across the 3D printed scaffolds. 

Three-dimensional reconstruction of a stack of fluorescence images showed that the 3T3 spread 

out over the pillars and struts of the scaffold after just 7 days (Fig. 3.7b). Cell proliferation was 

especially high in the inner corners of the pores.  

 

3.6 Conclusions 

This study shows high resolution tissue scaffolds that promote cell adhesion and proliferation can 

be fabricated with MPµSL from commercially available components. An investigation into curing 

kinetics guided resin formulation that permitted the fabrication of scaffolds with small feature sizes 

and high porosities. The printed constructs had physiologically relevant compressive moduli and 

water contents. Further, mouse fibroblasts successfully adhered and proliferated across films and 

on three-dimensional printed tissue scaffolds. These results demonstrate it is possible to use 

commercially available components in MPµSL systems to fabricate high resolution tissue 

scaffolds that also allow cell adhesion and proliferation. 
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3.7 Supporting Information  

 

 

3.7.1 Equilibrium Water Content of Printed Parts through TGA 

After printing, scaffolds were washed in deionized water and then swelled in PBS overnight. For 

testing, parts were removed from the PBS, briefly blotted to remove excess liquid, and placed on 

a platinum pan for thermogravimetric analysis (TGA). Analysis was conducted with a TA 

Instruments TGA 2950 with a N2 atmosphere heated to 250 °C at 20 °C/min and held for 30 min 

to completely dehydrate the part. An autosampler was not used to ensure that no drying occurred 

while parts were waiting to be analyzed. 

 

 

Fig. 3.S1. Representative thermogram showing water removal from a pNaAMPS-PEGDA 

scaffold.  
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3.7.2 Photorheology of Resins with and without Crosslinker 

Photorheology revealed that NaAMPS resin (50 wt% in H2O) formed very weak gels that could 

not be handled and were not self-supporting (Fig. 3.S2.). The resin was formulated with 1 wt% 

Irgacure 2959 (Sigma Aldrich), a water soluble photoinitiator that could be dissolved in the 

NaAMPS solution. Even after exposure to 250 mW/cm2 of UV light for 10 minutes, the storage 

modulus of the gel was less than 105 Pa. The addition of a crosslinking agent was necessary to 

form strong gels. The incorporation of 25 wt% PEGDA crosslinker into the resin resulted in 

quicker gel formation and storage moduli that exceeded 106 Pa. Except for changes in light 

intensity and photoinitiator, photorheology parameters were identical to those used to evaluate the 

effect of UV blocker on NaAMPS-PEGDA photopolymerization. 

 

 

Fig. 3.S2. (A) Photorheology demonstrates that the addition of PEGDA to NaAMPS results in gels 

with storage moduli more than two orders of magnitude higher than NaAMPS alone. 
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Photopolymerized NaAMPS-PEGDA (B) formed disks that could be handled with tweezers; 

NaAMPS alone (C) formed gels too soft to hold their shape during handling. 
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4.1 Abstract 

The microenvironment created by a tissue scaffold plays a large role in determining the growth, 

migration, and differentiation of the cells attached to it. Creating more effective and clinically 

relevant tissue engineering constructs requires careful control over environmental characteristics 

such as scaffold material and geometry, growth and differentiation factors, and cell-cell 

interactions. Control over scaffold geometry, including pore size and shape, porosity, and overall 

pore shape can be achieved with Additive Manufacturing (AM or 3D printing). Unlike other 

fabrication techniques, each of these parameters can be tuned independently of one another with 

3D printing. Here, we isolated and investigated the effect of pore size on cell proliferation and 

distribution in 3D printed scaffolds. NIH 3T3 murine fibroblasts were seeded on scaffolds with 

pore sizes ranging from 200 to 600 µm and cultured for 7 days. Confocal imaging along interior 

cross sections of the scaffolds revealed significant differences in distribution and proliferation 

between scaffolds. Automated nuclei counting showed that proliferation was greatest on scaffolds 

with 500 µm pores and that significant inhomogeneity in cell distribution occurred on scaffolds 

with pore sizes smaller than 400 µm. These data suggest that scaffolds should be designed with 

larger pore sizes to improve NIH 3T3 proliferation and the formation of homogeneous tissue 

engineering constructs.  
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4.2 Introduction  

The cellular microenvironment has an essential role in determining cell growth and function [1,2]. 

In tissue engineering, the microenvironment experienced by cells is created mainly by the 

characteristics of the tissue scaffold they are grown on [3]. Tissue scaffolds can be engineered to 

create environments that promote (or prevent) cellular adhesion, growth, or differentiation through 

the selection of fabrication technique, material, and scaffold geometry [4,5]. While the cell 

response to certain scaffold properties can be investigated with relative ease (e.g., material 

selection), the effects of others can be more difficult to elucidate. In particular, the roles played by 

pore size, pore geometry, and permeability have proven difficult to isolate and evaluate due to the 

irregular and stochastic nature of the structures produced by fabrication techniques such as 

electrospinning [6], particulate leaching [7], and gas foaming [8]. In contrast, AM techniques can 

fabricate tissue scaffolds with defined geometries. One of these AM techniques, vat 

photopolymerization (VP, also referred to as stereolithography), can fabricate scaffolds with 

features smaller than 100 µm that allow investigations into the effects of scaffold parameters such 

as pore size and geometry [9,10]. Tissue scaffolds are typically designed to mimic the in vivo 

microenvironment, as a physiologically-relevant environment is thought to aid in the development 

of tissue functionality [11,12]. However, the vastly different ways in which tissues form in utero 

versus on tissue scaffolds provides a strong justification for further investigation into the effects 

certain scaffold features have on cell response. 

 

Cell proliferation across a tissue engineering scaffold is a fundamental requirement and a basic 

metric of the scaffoldôs success. Scaffold pore size is known to play a significant role in cell 

proliferation and distribution in scaffolds fabricated with techniques such as particulate leaching 
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[13] and freeze drying [14ï16]. However, literature values for pore sizes that result in the greatest 

number of cells vary and the effect on proliferation in scaffolds fabricated with VP has not been 

systematically investigated. Large pore sizes enable the diffusion of nutrients and oxygen 

throughout the scaffold, but have the drawback of reducing the total surface area on which cells 

can be cultured. Surface area can be increased with smaller pore size, but at the expense of nutrient 

and oxygen diffusion, particularly to the scaffoldôs center.  

 

The total number of cells on a scaffold is an important metric for measuring the effectiveness of a 

tissue scaffold; however, it does not reveal a complete picture of cell response to a scaffold on its 

own. Ideally, cells should be distributed evenly throughout the entire scaffold. When a scaffoldôs 

pores are very small, the diffusion of oxygen and movement of cells towards the center of the 

scaffold is inhibited. The lack of oxygen at the center of the scaffold can be so severe that cells 

experience hypoxia and undergo apoptosis [17,18]. This can be exacerbated by closed pores, 

tortuous diffusion pathways, and the rapid growth and proliferation of cells at the oxygen and 

nutrient-rich surface of the scaffold [18]. Rapid cell growth at the surface of the scaffold can 

obstruct pores and lead to the formation of a barrier or óskinô of cells that further prevents the 

diffusion of nutrients towards the center of the scaffold [19,20]. This causes an inhomogeneous 

distribution of cells in the scaffold and a tissue engineering construct with reduced functionality. 

The challenges posed by diffusion limits can be successfully avoided by fabricating extremely thin 

scaffolds. These, however, have limited clinical relevance. Perfusion bioreactors, which push 

nutrients through the scaffold to overcome diffusion limits, have been shown to improve cell 

viability and homogeneity of cells throughout scaffolds [21,22]. Although lessened, oxygen 

gradients continue to persist [17]. A broader understanding of the effects of pore size, along with 
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pore shape, porosity, and their interactions will allow for the rational design of complex tissue 

scaffold designs that encourage cell proliferation and tissue formation. 

 

Many researchers have investigated how pore size impacts cell proliferation with scaffolds 

fabricated with traditional techniques (e.g., freeze drying, solvent casting and porogen leaching) 

[16]. For example, Murphy et al. found that proliferation of MC3T3-E1 murine preosteoblasts was 

greater in scaffolds with 325 µm pores than in those fabricated with a lyophilization process that 

had smaller pores, although pores larger than 325 µm were not investigated [14]. They later 

showed that rat mesenchymal stem cells behaved similarly with respect to pore size, but again did 

not use scaffolds with pores larger than 325 µm in diameter [15]. In another study with scaffolds 

fabricated by freeze drying by Mandal et al., fibroblasts proliferated more extensively in scaffolds 

with larger pore sizes, but the largest studied pores were only 250 µm in diameter [16]. Human 

mesenchymal stem cells were found to have significantly higher proliferation on marine coral 

exoskeleton derived scaffolds with 500 µm pores than those fabricated with 200 µm pores [19]. 

Articular chondrocytes seeded on scaffolds fabricated via solvent casting and porogen leaching 

showed greater proliferation on scaffolds with 175 µm pores when compared to those with 125 

µm and 75 µm pores [13]. In contrast, scaffolds with pore sizes ranging from 150-500 µm seeded 

with chondrocytes and implanted subcutaneously in mice showed no differences in proliferation 

after 8 weeks [7]. Despite some conflicting reports, many of these studies suggest that larger pore 

sizes improve proliferation, but scaffolds with pores larger than 500 µm have received little 

attention [16,23]. It is clear the pore size maximizing proliferation will be dependent on the cell 

type selected, but the optimal pore size for any single cell type continues to elude researchers [15]. 

This could be due to the drawbacks of using traditional scaffold fabrication techniques for this sort 
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of study. These techniques create stochastic scaffold geometries that make it difficult or impossible 

to isolate the effects of pore size on cellular proliferation from the effects of pore shape, 

interconnectivity, and porosity. In addition, each scaffold geometry is unique and cannot be 

replicated. A more complete understanding of how cells respond to pore size requires the 

repeatable fabrication of scaffolds with designed geometries that can effectively isolate pore size 

from other scaffold parameters. 

 

Additive manufacturing methods fabricate parts in a layer-by-layer fashion from data provided by 

a digital model [10,24]. By modifying the digital model, scaffolds with precise and repeatable 

geometries can be fabricated with AM [25]. These unique capabilities of AM enable the fabrication 

of tissue scaffolds with a range of pore sizes while maintaining constant porosity, pore shape, and 

other scaffold parameters between samples [26]. Taniguchi et al. rigorously isolated and studied 

the effects of pore size on in vivo bone growth into porous titanium scaffolds implanted in rabbits 

[27]. They found that 600 µm pores improved fixation ability and bone ingrowth over 300 µm 

scaffolds. Unfortunately, the significant material differences between polymeric hydrogel 

scaffolds that are useful for engineering a wide variety of tissue types and the titanium scaffolds 

used by Taniguchi et al. prevent generalization of their conclusions. Sobral et al. showed that 

reducing pore size in extrusion-fabricated scaffolds (Bioplotter, EnvisionTec) can improve seeding 

efficiency of human osteosarcoma SaOs-2 cells, but did not investigate time points longer than 12 

hours [28]. 

 

Bioprinting, especially extrusion and inkjet-based techniques, have become common for the 

fabrication of polymeric tissue scaffolds [29,30]. Some studies have used extrusion and inkjet 
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bioprinting to fabricate scaffolds with varying pore sizes, but did not systematically isolate pore 

size to study its effects on cell proliferation and distribution after culture [31]. Extrusion and inkjet-

based bioprinting can pattern cell-laden inks directly into 3D shapes, avoiding the need to 

subsequently seed cells onto scaffolds [29]. However, pressure and temperature limitations 

imposed by the presence of cells limits the resolution and feature sizes that can be achieved [32]. 

Other drawbacks of these bioprinting techniques include the adverse impact of shear stress on cell 

viability, relatively low porosities, and, in some instances, limitations on part height due to material 

properties [33,34].  

 

Vat photopolymerization is an AM technique that uses patterned light to selectively cure a 

photopolymer in a layer-by-layer manner [10,35]. Unlike other bioprinting technologies, VP can 

fabricate scaffolds with features as small as 5-50 µm, small or large pores, and high porosities 

[36,37]. The resolution and the geometric flexibility afforded by VP make it well suited for 

investigating the effects of pore size in 3D printed tissue scaffolds [10,38]. While some success 

has been made in understanding the effects of pore shape on cell response [10,39,40], little work 

has been conducted on pore size. In one study, researchers used VP to fabricate tissue scaffolds 

with a range of pore lengths and widths, but maintained a constant pore height throughout [41]. 

As the scaffolds were mainly imaged from the top surface, it is unclear if good interconnectivity 

was achieved between pores or if print-through obstructed cell migration and nutrient diffusion. 

Notably, Melchels et al. showed that O2 concentration in VP-fabricated scaffolds with 270 µm 

pores was lower than in similar scaffolds with 350 µm pores, suggesting that scaffolds with pore 

sizes that are too small cause hypoxic conditions [18]. In another study, Melchels et al. also showed 

that pore size has a substantial effect on cell distribution in scaffolds after perfusion seeding [42]. 
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However, distributions were only evaluated after 16 hours and cell density was determined by 

counting pixels in fluorescence images rather than identifying and counting individual nuclei. 

Despite these drawbacks, these two studies by Melchels et al. offer compelling evidence that pore 

size is a key factor affecting cell adhesion and proliferation in 3D printed tissue scaffolds. In 

addition, they provide motivation to investigate how pore size can be optimized in scaffolds to 

enhance proliferation and promote homogeneous cell distributions. 

 

While VP does allow the fabrication of tissue scaffolds with excellent resolution and geometric 

flexibility, technical limitations have made it a less popular technique for bioprinting than 

extrusion or inkjet printing [29,43]. Cells are generally not incorporated into the photopolymer 

resin during printing because the UV light and cytotoxic monomer components risk damaging 

DNA and negatively impacting cell viability. However, recent work has demonstrated high 

viability of cells suspended in a resin and printed using visible light rather than UV light [44,45]. 

In addition, resins containing less cytotoxic water soluble photoinitiators have been developed 

[46]. Finally, only a few materials have been developed for VP that enable the printing of high 

resolution tissue scaffolds (particularly resolution in the vertical axis) that also encouraging high 

cellular adhesion and proliferation [10,47]. These resins are not commercially available and 

require substantial expertise, effort, and expense to synthesize [48]. However, recently, our group 

has developed a zero-synthesis resin based on 2-acrylamido-2-methyl-1-propanesulfonic acid 

sodium salt (NaAMPS) that does permit high resolution fabrication of tissue scaffolds that allow 

excellent proliferation of NIH 3T3 murine fibroblasts. This has allowed us to use VP to fabricate 

tissue scaffolds that can be used to investigate the effects of pore size on cell proliferation and 

distribution. 
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In this work, we explore the effects of pore size on cell proliferation and distribution in 3D printed 

scaffolds fabricated with VP. Designs with pore sizes ranging from 200 µm to 600 µm and constant 

porosity were fabricated. Murine fibroblasts were seeded and cultured in vitro on scaffolds for up 

to 7 days. Cells were fluorescently labeled and imaged using laser scanning confocal fluorescence 

microscopy to determine their quantity and distribution within the scaffold. Three-dimensional 

reconstructions of the imaged volume were used to count each cell and determine its coordinates. 

These data showed that pore size impacted cell distribution within scaffolds and affected cell 

proliferation in a statistically significant way. 

 

4.3 Materials and Methods 

4.3.1 Resin Formulation 

A resin based on the sodium salt of 2-acrylamido-2-methyl-1-propanesulfonic acid (NaAMPS, 

Sigma Aldrich) and poly(ethylene glycol) diacrylate (PEGDA, Sigma Aldrich, MW=575) that has 

been previously reported was selected for the fabrication of scaffolds. The resin has been shown 

to provide excellent print results with VP, results in gels with high water contents, and permits the 

adhesion and proliferation of fibroblasts. The photopolymer solution contained 37.5 wt% 

NaAMPS. 37.5 wt% H2O, and 25 wt% PEGDA. The resin was formulated by adding 1 wt% 2,2-

dimethoxy-2-phenylacetophenone photoinitiator (DMPA, TCI America) and 0.20 wt% 

avobenzone (Sigma Aldrich) UV absorber to the photopolymer solution. 

 

4.3.2 Scaffold Design 
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To explore the effects of pore size on cell proliferation, scaffolds with square pores measuring 200, 

300, 400, 500, or 600 µm were designed in CAD and printed (Fig. 4.2). The range of pore sizes 

was selected based on literature suggesting that an optimal pore size may fall within these limits 

(200-600 µm) [16,18,19,41]. The effect of pore size on cell response was isolated from the effects 

of pore shape and porosity. All scaffolds were designed with approximately 84.3% porosity and 

rectangular beams framing square pores. Porosity was kept constant between the different designs 

by varying the thickness of the pillars and struts (Fig. 4.2). Digital scaffold models were sliced 

into 50 µm layers to create a stack of monochrome images for projection. 

 

4.3.3 Fabrication of Scaffolds by Vat Photopolymerization 

A custom Mask Projection Microstereolithography (MPµSL) system was used for the fabrication 

of scaffolds. The full description of this system, which can achieve printed features as small as 30 

µm, is discussed in Hegde et al. [49]. Briefly, a LightningCure LC-L1V3 365 nm light source 

(Hamamatsu Photonics) was expanded, collimated, and homogenized with a set of optics to create 

a uniform beam of light with a diameter of approximately 40 mm. The beam of light was reflected 

off of a Texas Instruments DLP6500 digital micromirror device (DMD) controlled by a custom 

LabView VI to create a patterned beam of light. Resin was placed in a 20 mL beaker and a build 

platform, actuated by a Zaber T-LSR075A linear stage, was positioned 50 µm below the resin 

surface. The image for the first layer was projected on the DMD and the patterned light allowed 

to irradiate the resin surface for 20 s with an intensity of 15 mW/cm2. The build platform was then 

dipped into the resin to ensure complete recoating with fresh resin and positioned 50 µm below its 

initial position. This process was repeated for each layer until complete fabrication of the part. 
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After printing, parts were removed from the build stage, cleaned in deionized water, and post-

cured in a UV chamber to ensure complete polymerization. 

 

4.3.4 Optical Microscopy and Measurement of Scaffolds 

Printed scaffolds were rinsed in deionized water, blotted dry, and immediately imaged with a 

stereo microscope equipped with an 18 megapixel complementary metalïoxideïsemiconductor 

(CMOS) camera (AmScope) calibrated using a calibration slide. Pore and strut sizes were 

measured and compared to the designed dimensions. 

 

4.3.5 Sterilization and Extraction of Scaffolds 

The effective removal of unreacted monomer in printed parts is essential as these species are highly 

cytotoxic. After cleaning in deionized water, scaffolds were post-cured with a UV lamp and 

swelled in deionized water overnight. Three 70% ethanol washes, lasting an hour each, were 

performed to sterilize the scaffolds and extract unreacted monomer. Two additional 1 hour washes 

with sterile phosphate buffered saline (PBS) were used to remove the ethanol and a final wash of 

complete media performed to adsorb proteins onto the scaffold surface. 

 

4.3.6 Cell Culture 

NIH 3T3 murine fibroblasts were cultured on tissue culture treated polystyrene using minimum 

essential medium (ŬMEM 1X) supplemented with 10% fetal bovine serum (FBS) and 1% 

penicillin-streptomycin-amphotericin B solution (all from MediaTech CellGro). Cells were 

incubated using standard cell culture conditions (37 °C and 4.9% CO2) and passaged when 70-

80% confluent. 
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4.3.7 Cell Seeding on Scaffolds 

Cells were seeded at 1 x 105 cells per scaffold, which had been placed in super low adhesion 24-

well Nunclon Sphera plates (ThermoFisher Scientific). The cells were permitted to attach for 4 h 

before additional media was added to each well (1 mL total volume). Media was changed every 

two to three days. After 7 days, the scaffolds were removed and placed in 1 mL of 10% formalin 

(ThermoFisher Scientific) for cell fixation and then stored at 4 °C in PBS. 

 

4.3.8 Fluorescence Microscopy 

Seeded scaffolds were cut in half with a razor blade to reveal an interior cross-section for imaging 

(Fig. 4.1). A light microscope was used to orient the scaffolds before cutting so the cut direction 

was perpendicular to the printed layers (i.e., so that a XZ or equivalent YZ plane could be imaged). 

One half of each scaffold was stained using 5.7 µM DAPI (4',6-diamidino-2-phenylindole 

dihydrochloride, Invitrogen) and 100 nM Texas Red-X Phalloidin (Invitrogen) in the dark for 1 h. 

After staining, the scaffolds were rinsed and stored in the dark at 4 °C in preparation for imaging.  

 

The cells along the cross-section of the scaffolds were imaged using a laser scanning confocal 

fluorescence microscope (Zeiss Axio Observer.Z1) with 10x objective (Plan-Apochromat 

10x/0.45 M27, Zeiss) and 53 µm diameter pinhole. A volume, shown schematically in Fig. 4.1, 

was imaged by tiling and stacking many images. Briefly, this was done in an automated fashion 

using Zeissô Zen 2.3 blue edition software which captured images at 14-16 tile locations 

(approximately 600 x 600 µm each) by moving the scaffold using a three-axis motorized stage. In 

addition, at each of the tile locations, images were captured at a range of focal depths to allow 

imaging of cells along the curved features of the scaffold. Approximately 40 images were captured 
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at each tile location to image a depth of about 220 µm (5.48 µm vertical spacing). Three-

dimensional reconstructions of the imaged volume were reconstructed in the Zen imaging 

software. 

 

 

Fig. 4.1. Schematic illustration of the process of seeding, slicing, staining, and imaging murine 

fibroblasts on 3D printed tissue scaffolds. A cell suspension was pipetted onto a scaffold fabricated 

using MPµSL which has been previously washed and sterilized. The scaffolds were cultured for 7 

days under static conditions before fixing the cells and slicing the scaffold in half along the plane 

shown. The cells were stained with DAPI and Texas Red-X fluorescent dyes and a volume along 

the sliced plane imaged using laser scanning confocal fluorescence microscopy. 

 

4.3.9 Image Analysis & Cell Counting 

Image stacks were processed and analyzed in a consistent fashion to count cells and determine 

their distribution in scaffolds using Zen 2.3 and ImageJ (see Supplemental Information, Fig. 4.S1). 

Briefly, the Zen software was used to acquire images and remove background fluorescence 

resulting from the absorption of DAPI by the scaffold and scaffold autofluorescence. ImageJ was 
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used to remove any remaining background fluorescence and to split nuclei whose fluorescence 

profiles were contiguous. The BoneJ plugin [50] was used to identify, count, and tabulate the 

coordinates of each nucleus. Three dimensional reconstructions were visually compared with their 

original fluorescence image stacks to ensure accurate counting. Additional details and parameters 

used for cell counting are provided in the Supplemental Information and in Fig. 4.S1. 

 

4.3.10 Statistical Analysis 

Data comparisons were made using one-way ANOVA followed by Tukeyôs HSD post hoc test in 

the Origin 2019 software package. 

 

4.4 Results 

4.4.1 Scaffold Fabrication with Designed Pore Size 

After briefly washing in RO water to remove unpolymerized monomer, scaffolds were imaged 

using light microscopy and the size of both pores and struts were measured to determine printing 

accuracy (Fig. 4.2). Swelling of the scaffolds was apparent during cleaning. Despite this, pore 

height and pore width in scaffolds of all pore sizes were very similar to the designed dimensions 

(Fig. 4.3a). In contrast, pillar and strut thickness were substantially larger than designed in all 

samples due to water uptake (Fig. 4.3b). If the pillars and struts had only thickened during swelling, 

the pores would have become partially occluded and would have been found to be smaller than 

their intended dimensions. Since this was not the case, pillars and struts must have also lengthened 

to account for the pore sizes observed. In general, strut height was larger than pillar width. We 

attribute this to ñprint-throughò occurring during fabrication of the part. During curing of the struts, 

a sufficient amount of UV light was able to penetrate through the strut to the top of the pore below 
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and initiate polymerization. Additional UV absorber could have been incorporated into the resin 

to reduce ñprint-throughò, however, this would have substantially increased print durations.  

 

The total surface area and porosity of each scaffold were calculated from the pore, pillar, and strut 

measurements. While pore sizes were very close to their designed dimensions, the swelling of 

pillars and struts caused a reduction in scaffold porosity. Porosities were reduced to between 65% 

and 74% (Fig 4.3c), compared with 84.4% in the designed CAD models. Although this is a 

relatively large range of porosity, porosity of scaffolds with 300 µm to 600 µm pores fell within a 

5% range (69.2-74.0%). Overall scaffold porosity is known to have an effect on cell proliferation, 

however, the differences in porosity studied tend to be much larger than the range of porosities in 

this work [51,52]. Trends in porosity between scaffolds with different pore sizes (peaking in 

scaffolds with 400 µm pores) were not reflected in the cell proliferations observed. As expected, 

the calculated total surface area of the scaffolds increased with decreasing pore size. Surface area 

in printed scaffolds was greater than in the CAD models due to swelling that increased the overall 

scaffold dimensions. Surface area of the scaffolds increased at a relatively uniform rate (i.e., 

between 40 and 53%). 

 

Our findings of the impact that pore size has on cell growth and proliferation must be viewed in 

light of deviations in scaffold geometries that occurred due to swelling and fabrication errors. 

Swelling in particular had substantial effects on the printed geometries but the effects on pillar 

thickness, porosity, and total surface area were relatively consistent for all pore sizes. This 

consistency, in additional to the similarity between designed and measured pore size, resulted in a 
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set of scaffolds suitable for a rigorous investigation on the effect of pore size on cell growth and 

proliferation. 
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Fig. 4.2. Side view of digital CAD models and printed scaffolds with pore sizes ranging from 200 

µm to 600 µm. The black scale bars represent 1 mm and white scale bars represent 250 µm. 

 

 

Fig. 4.3. A) The pore height and width as measured by optical microscopy are compared with their 

designed dimensions B) Pillar width and strut height were thicker than designed due to water 

uptake of the material. C) Scaffold porosity was calculated using pore and pillar dimensions and 

compared to designed porosity (84.4%). Calculated porosity of scaffolds ranged from 65% in 

scaffolds with 200 µm pores to 74% in scaffolds with 400 µm pores. D) Total surface area of each 

scaffold, also calculated using pore and pillar dimensions, were larger than expected due to an 
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increase in the overall dimensions of the scaffolds from swelling. Error bars represent standard 

deviations with n = 3-6 scaffolds for each pore size. 

 

4.4.2 NIH 3T3 Proliferation Within Scaffolds 

Laser scanning confocal fluorescence microscopy and BoneJ allowed for the counting of all cell 

nuclei present in the imaged volume (Fig. 4.1 and Fig. 4.S1). Nuclei counting provided a direct 

measurement of proliferation in the scaffolds, rather than relying on an indirect measurement of 

proliferation through metabolic activity (e.g. MTS assay) or actin coverage. The average total cell 

count was highest in the scaffolds with 500 µm pores and lowest in those with 200 µm pores (Fig. 

4.4). Total cell count in 500 µm pore scaffolds was significantly higher than that of scaffolds with 

200, 300, and 400 µm pores (p < 0.01 for 200, 300 µm; p < 0.05 for 400 µm), while total cell count 

in 600 µm pore scaffolds was significantly higher (p < 0.05) than cell count in 200 and 300 µm 

pore scaffolds. 
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Fig. 4.4. Total cell count in the imaged volume. Cell count was significantly higher in scaffolds 

with 500 µm pores than in scaffolds with 200, 300, and 400 µm pores (*p < 0.05, **p < 0.01). 

Error bars represent the standard deviations. 

 

4.4.3 Cell Distribution Along Scaffold Cross-sections 

The coordinates of each nucleus was recorded during counting in BoneJ. These data were used to 

create 3D reconstructions containing each of the nuclei, which offered a visually compelling 

representation of the distribution of cells throughout each scaffold (Fig. 4.5a-b). The distribution 

of cells can also be visualized by plotting the distance of each cell from the center of the scaffold. 

The average number of cells in 100 µm thick slices beginning at the center of the scaffold and 

moving out towards the edges are shown in Fig. 4.5c. A curve superimposed on the histogram 
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shows the aggregate fraction of cells counted while moving away from the scaffold center (i.e., 

the fraction of cells within a certain distance of the scaffold center). A scaffold with perfectly 

uniform cell distribution would generate a histogram with bars of equal height and the curve 

representing aggregate fraction of cells counted would be linear. 

 

The cell distribution histogram for scaffolds with 300 µm pores shows a greater number of cells 

at the surface of scaffolds and a reduced number towards their centers. This trend is greatly 

exaggerated in scaffolds with 200 µm pores. The lack of cells at the center of these two scaffold 

geometries is apparent in the 3D reconstructions of cell nuclei obtained from fluorescence imaging. 

Scaffolds with 400 µm pores have a much more uniform distribution of cells. However, the most 

uniform distributions are found in the scaffolds with 500 µm and 600 µm pores. These results 

show a clear correlation between cell distribution homogeneity and pore size.  

 

The cell distribution and surface area of the scaffolds (Fig. 4.3d) were used to determine the 

average cell density along the scaffold cross section (Fig. 4.6). Density of cells was highest on 

scaffolds with 500 µm and 600 µm pores, averaging about 1,000-1,250 cells/mm2. As pore size 

was reduced to 400 µm, cell density drops to an average of about 550 cells/mm2 and was even 

lower for scaffolds with 300 µm and 200 µm pores. 
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Fig. 4.5. A) Laser scanning confocal fluorescence microscopy images 7 days after seeding murine 

fibroblasts on scaffolds with pore sizes ranging from 200 µm (top) to 600 µm (bottom). DAPI 

staining (blue) reveals cell nuclei, but also caused background fluorescence of the scaffold. Texas 
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Red-X stained actin. Additional images are shown in Fig. 4.S1. B) 3D models showing cell nuclei 

were generated after removal of background fluorescence and nucleus detection. C) Average cell 

count from scaffold center to scaffold surface reveal their distribution within the scaffolds (n = 3-

6 scaffolds for each pore size). 

 

 

Fig. 4.6. Cell density along scaffold cross sections. Density was highest on scaffolds with 500 µm 

and 600 µm pores, while scaffolds with smaller pores had lower densities. Surface area of the 

imaged volume was defined as the proportion of the scaffold volume imaged multiplied by the 

scaffoldôs total surface area calculated from measured dimensions. 
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4.5 Discussion 

A cellôs microenvironment can have major ramifications on its fate and will help determine its 

differentiation, migration, and even survival [53,54]. Creating tissue engineering constructs with 

large populations that perform tissue-specific functions requires careful engineering of the cellular 

microenvironment, including the physical environment and chemical stimuli [4,11,29]. Pore size, 

one of the most important parameters of a tissue scaffold, has been shown to have a significant 

effect on the proliferation of cells in scaffolds fabricated using multiple techniques, including 

freeze drying [16], porogen leaching [13], and additive manufacturing methods [18]. However, 

many of these studies do not isolate the effects of pore size from other geometrical factors or test 

a sufficiently wide variety of pore sizes [15,16,31]. Thus, it is not surprising that the literature 

contains conflicting reports on the most ideal pore size for a specific cell type (e.g., chondrocytes) 

[23,55,56] and even for cell types from the same animal model (e.g., bovine articular 

chondrocytes) [7,13,57]. Further, the stochastic geometries created by techniques such as freeze 

drying, porogen leaching, and electrospinning are very different from the designed architectures 

and repeatable fabrication results afforded by AM. These geometrical differences have been shown 

to affect proliferation [18], and as a result, conclusions from traditional scaffold fabrication 

techniques likely cannot be generalized to AM scaffolds. 

 

In this work, we successfully quantify the effects of pore size on cell proliferation, density, and 

distribution in 3D printed tissue scaffolds. The scaffolds used for these comparisons had similar 

porosities, pore shapes, and overall scaffold shape so as to isolate the effect of pore size to the 

greatest extent possible. After seven days of culture, significantly lower proliferation of murine 

fibroblasts was observed on scaffolds with pore sizes between 200 µm and 400 µm than on those 
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with 500 µm. Cell densities on scaffolds with 500 µm and 600 µm pores were quite similar, but 

dropped substantially on scaffolds with pore sizes 400 µm or smaller. Differences in proliferation 

between 500 µm and 600 µm pore scaffolds were not statistically significant, but scaffolds with 

500 µm pores had substantially higher surface area available for cell adhesion. This suggests that 

500 µm pores are slightly better suited for enhancing cell proliferation than 600 µm pores.  

 

Scaffolds with 200 µm and 300 µm pores displayed inhomogeneous distribution of cells with a 

high distribution of cells on the surface with far fewer cells towards the center of the scaffold. This 

is consistent with previous work. Despite the high surface area available for cell attachment on 

these scaffolds, the small pores hindered cell migration into the center or prevented the diffusion 

of nutrients and oxygen creating hypoxic conditions. This result may suggest that tissue scaffolds 

with pore sizes of about 200-300 µm might by suitable when the scaffold thickness is no more 

than a few hundred microns thick. Unfortunately, thin scaffolds have more limited clinical 

relevance and cannot be used for the generation of solid de novo tissue. Cells were more 

homogenously distributed on scaffolds with 400 µm pores, but proliferation and cell density were 

lower than on scaffolds with larger pores. This suggests that pores below about 400 µm are too 

small for the proliferation of murine fibroblasts in static culture with the size of scaffolds used (4 

mm). Pore sizes of about 500 µm were most successful in maximizing the growth of murine 

fibroblast and generating homogenous cell distributions because the pores were large enough so 

as not to impeded nutrient and oxygen diffusion while simultaneously providing a large surface 

area for cell attachment and growth. While the sheer number of parameters governing scaffold 

geometry prevents us from asserting an optimal pore size for all situations, our results, in 

conjunction with previous studies, provides convincing evidence that large pores (400-600+ µm) 
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are better suited for maximizing cell growth and generating homogeneous cell distributions than 

smaller pores (Ò 300 µm) in tissue scaffolds more than a few hundred microns thick. 

 

The cell growth results in this study corroborate previous findings showing that greater cell 

proliferation occurs in scaffolds with larger pore sizes (> 300 µm) [14ï16,19]. However, we 

expand upon previous research by showing that an ideal pore size is even larger than previously 

reported, likely in the vicinity of 500 µm. In fact, future studies should even include scaffolds with 

pore size even larger than those studied here (e.g., 700-800 µm) to ascertain a narrower range of 

pore sizes that can maximize cell growth while also producing homogeneous distributions of cell. 

Unfortunately, it is challenging to fabricate highly porous tissue scaffolds (> 60% porosity) with 

pore sizes larger than about 400 µm using traditional scaffold fabrication methods. This difficultly 

has likely contributed to the absence of scaffolds with pore sizes larger than 500 µm in most 

previous studies. Further investigations that include additional time points will allow researchers 

to understand how, and when, cell distributions form in scaffolds with smaller pore sizes. These 

methods can also be used to understand how various cell types respond differently to pore size 

[15]. 

 

Our work in this study demonstrates that the choice of pore size in 3D printed tissue scaffolds has 

a considerable effect on the resulting cell proliferation and distribution. These results provide 

valuable information that, along with results from studies on the effects of other scaffold 

parameters such as porosity and pore shape, can be used to improve tissue scaffold design. It is 

important to note that changes in scaffold porosity and material, cell type, and culture technique 

(static versus dynamic cell culture) will likely affect the pore size that promotes the greatest cell 
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growth. However, the novel techniques for cell counting and distribution mapping presented in 

this work can be applied to future studies to help understand how proliferation is impacted by the 

interaction of several scaffold fabrication parameters. 

 

4.6 Conclusions 

In this report, we demonstrated the effect of tissue scaffold pore size on fibroblast proliferation 

and density in static culture. Pore sizes smaller than 400 µm resulted in statistically significant 

reductions in cell proliferation and inhomogeneous distributions. Larger pores (i.e., greater than 

400 µm) resulted in higher proliferation and homogeneous distributions due to improved diffusion 

of nutrients and oxygen to the center of the scaffold. Cell density in scaffolds with the larger 500 

µm and 600 µm pores were similar, but due to their higher surface area, 500 µm scaffolds had the 

greatest proliferation of cells. These data suggest that the most favorable outcomes will result when 

NIH 3T3 fibroblasts are seeded on tissue scaffolds with pores of about 500 µm. 
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4.7 Supporting Informati on 

4.7.1 Image Processing 

Image stacks were processed and analyzed in a consistent fashion to count cells and determine 

their distribution in scaffolds using Zen 2.3 and ImageJ (1.52e with Fiji plugin package). The Zen 

2.3 software used during acquisition was used to subtract background fluorescence (radius = 15) 

and export images as TIFF files. The stack of images was then loaded in ImageJ and the blue 

channel isolated for counting of cell nuclei stained with DAPI. Contrast was enhanced (0.1% 

saturated pixels, normalized) and background fluorescence from the uptake of DAPI by scaffolds 

further reduced using the Background Subtraction function (radius = 15). An intensity threshold 

was then applied which varied between samples. The threshold was chosen to eliminate as much 

remaining background as possible while preserving the cells. In some samples, it was necessary to 

manually remove background fluorescence (Fig. 4.S1c). Next, the Remove Outliers function 

(radius = 7) was used to eliminate noise. Cell nuclei that appeared contiguous in the images were 

split using Watershed Split 3D (BoneJ 1.4.3 plugin, radius = 3). Each nucleus was then counted 

and its coordinates tabulated using BoneJ. Three-dimensional reconstructions of the nuclei were 

also created. Each 3D reconstruction was visually compared to its original image stack in Zen 2.3 

to ensure that neither overcounting nor undercounting occurred.  
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Fig. 4.S1. The processing of fluorescence images and the identification and of nuclei using Zen 

and ImageJ software packages. A) A stack of fluorescence images of scaffold and cells is shown 

before any processing. The scaffold is readily apparent and prevents the automated counting of 

cells. The red arrow points to a cell nucleus that can be seen in each image throughout the 

processing steps. B) After background subtraction in Zen, nearly all background fluorescence has 

been removed. The green arrows show background fluorescence that required manual removal. C) 

Many individual cells can be seen in the 3D reconstruction from the stack of images processed in 

ImageJ, but green arrows show some areas where background fluorescence from the scaffold 

persist. D) The same 3D reconstruction after manual removal of background fluorescence. E) The 

final 3D reconstruction where each nucleus has been identified. Red nuclei are closer to the viewer 

while green nuclei are further away. 
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5.1 Abstract 

The fabrication of tissue engineering constructs that will mimic the structure and function of tissue 

found in nature requires the development of manufacturing techniques with precise control over 

the placement of multiple cell types and materials. Techniques traditionally used for scaffold 

fabrication, such as particulate leaching and freeze drying, can support cell growth, but the 

homogeneity of the engineered constructs preclude the development of more complex functional 

structures (e.g., vasculature, nephrons). Vat photopolymerization (VP), an additive manufacturing 

(3D printing) technology, can fabricate tissue scaffolds with complex geometries and precise 

material placement, but generally, parts are printed from a single material. In this work, we 

demonstrate the fabrication of multi-material tissue scaffolds using a commercially available low-

cost VP system without any mechanical modifications or custom code. Four resins were 

formulated, two of which encouraged NIH 3T3 murine fibroblast adhesion, and two that permitted 

only small quantities of fibroblasts to adhere and grow. Fibroblast adhesion to scaffolds fabricated 

from a single material was evaluated with a viability assay and fluorescence imaging. Simple 

multi-material scaffolds were fabricated by partially fabricating a scaffold, pausing the build, 

cleaning the part and exchanging the material before allowing the build to finish. Fibroblasts 

seeded on multi-material scaffolds fabricated from materials with dissimilar adhesion properties 
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showed a strong preference for regions fabricated from adhesion-encouraging material after 4 and 

7 days. Finally, more complex multi-material scaffolds with an embedded perfusable network of 

tubes were fabricated through multiple material exchanges. The tubes were fabricated from a 

material that discouraged fibroblast adhesion. After 7 days in static culture, the tubes remained 

clear of cells and matrix while cells were observed to be proliferating in the scaffoldôs other 

regions. These results indicate that multi-material tissue scaffolds fabricated with VP could contain 

tubular networks that remain patent and perfusable at extended time points to provide structure 

and function similar to that of vasculature. 

 

5.2 Introduction  

Tissue engineering aims to use scaffolds, in conjunction with cells and various stimuli, to fabricate 

engineered constructs that mimic the complex structure and functions of biological tissues [1]. 

Traditional techniques used for scaffold fabrication such as particulate leaching, gas foaming, and 

electrospinning are unable to produce hierarchical structures akin to those found in nature [2]. This 

limitation has hindered the engineering of vasculature, which is necessary to support long term 

viability of most cell types in thick tissue constructs [3]. Bulk constructs without perfusable 

vasculature develop hypoxic conditions and necrotic cores due to insufficient access to nutrients, 

oxygen, and waste removal [4]. Precise patterning or placement of materials, cells, and vasculature 

would enable the fabrication of engineered constructs that overcome the current size constraints 

imposed by diffusion limits [4]. 

 

Recent efforts have employed additive manufacturing (AM, or ñ3D printingò) techniques, such as 

extrusion bioprinting, inkjet bioprinting, and vat photopolymerization (VP, stereolithography) to 
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engineer tissue constructs with complex architectures that more closely resemble the tissues they 

are intended to replace [5ï7]. VP is an AM technique that uses ultraviolet (UV) light to selectively 

polymerize a liquid photopolymer. Two primary embodiments of VP exist: a ótop-downô method 

where light is projected from above the resin vat and polymerization occurs at the surface of the 

vat and a óbottom-upô method where light is projected from below through a transparent window 

in the vat and polymerization occurs at the window-resin interface. (Two photon polymerization 

is another VP process which builds microscale parts within the photopolymer resin and requires 

no recoating process [2]). VP bioprinting systems can fabricate scaffolds measuring several 

millimeters to more than a centimeter in length while also containing features as small as 5-100 

µm [2,8]. Recent work has greatly expanded the number of cytocompatible materials that can be 

used with VP [9ï12]. Many instances of complex geometries fabricated from VP that support cell 

growth have been reported in the literature [4,13]. However, most traditional VP systems reported 

do not precisely place more than one material or cell type within a single scaffold.  

 

Several researchers have successfully fabricated multi-material parts with VP using custom-built 

systems or by modifying existing ones. Nearly all of this work has been quite recent, which reflects 

growing interest in 3D printing of multi-functional parts. Early work by Wicker et al. in 2009 

utilized a modified commercial VP system that  employed several vats containing different 

materials which were rotated into the build area depending on the material needed for the 

fabrication of a given layer [14,15]. The top-down approach they used requires precise control 

over the resin level to ensure accurate fabrication results, but the scaffolds successfully 

demonstrated spatial control over cell adhesion [16]. Some more recent custom-built VP systems 

(2011-2018) using both top-down and bottom-up systems have been used to fabricate more 
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complex multi-material geometries, but have either not been used with materials suitable for tissue 

engineering scaffolds or have only been used to fabricate 2D multi-material structures [17ï21]. 

Most recently, at least three groups have developed systems that have spatial control over the 

placement of multiple materials and/or cell types in complex 3D tissue engineering constructs 

fabricated using VP [22ï24]. However, poly(ethylene glycol) diacrylate (PEGDA), a material 

which is not conducive to cell adhesion, is used in most of this work. In addition, these groups 

focus on encapsulating cells into the hydrogel scaffold matrix during printing, which can impede 

the cellôs migration and proliferation within the scaffold. 

 

The accelerating pace of developments in VP systems to enable the fabrication of multi-material 

constructs, particularly for tissue engineering applications, underscores the anticipated benefits of 

these advanced capabilities. With the exception of the system used by Wicker et al., which is a 

highly modified commercial system, the other VP systems capable of multi-material fabrication 

are custom-built. The development of these custom machines entails substantial costs and requires 

expertise in machine design, optics, material science, microfluidics. In the work presented here, 

the authors used an unmodified low-cost commercial VP system to fabricate multi-material tissue 

scaffolds using materials with dissimilar cell adhesion properties. In addition, the use of dissimilar 

materials within a single scaffold granted insight into the material considerations that must be 

considered for successful multi-material scaffold fabrication. 

 

In contrast with previous studies, the work demonstrated here aimed to build multi-material tissue 

scaffolds that would grant spatial control over cell adhesion and proliferation post printing, rather 

than encapsulating cells during scaffold fabrication. The authorsô previous work has shown NIH 
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3T3 fibroblasts adhere and proliferate on 3D printed scaffolds fabricated from a resin based on 2-

acrylamido-2-methyl-1-propanesulfonic acid sodium salt (NaAMPS) with a VP system (see 

Chapter 3). Further, that work demonstrated that cells are able to proliferate homogeneously 

throughout the entirety of a scaffold with the geometry used in this work (600 µm pores, 4 mm 

scaffold dimensions). In contrast, substrates fabricated using PEGDA are known to have poor cell 

adhesion properties, permitting their use in applications requiring bioinert materials [25]. Here, we 

aimed to spatially modulate fibroblast adhesion in scaffolds by printing different regions of a single 

scaffold from either NaAMPS or a poly(ethylene glycol) diacrylate based resin (PEGDA). In doing 

so, we hypothesized that cell adhesion and proliferation in multi-material scaffolds would occur 

only in areas fabricated from NaAMPS, while areas fabricated from PEGDA would be devoid of 

cells. We aimed to demonstrate the potential of multi-material tissue scaffolds fabricated with VP 

by printing structures with perfusable channels that would remain cell-free during culture. Thick 

tissues require vascularization to deliver oxygen and nutrients to every cell within them. The lack 

of vascularization in tissue scaffolds, which endures as the most significant challenge in the field 

of tissue engineering, limits the size of scaffolds on which cells can be kept viable [2,3,26]. 

Incorporating a network of perfusable channels within a scaffold that mimics a tissueôs vascular 

network may help overcome the current size limits of scaffolds [4]. However, the network must 

remain patent to allow for fluid to pass through. Studies have shown that cells grown on scaffolds 

can proliferate to such an extent that pores become completely blocked by cells and their 

extracellular matrix [27,28]. We aimed to keep the perfusable network of channels clear by 

fabricating it with a material that discourages cellular adhesion (see Fig. 5.1c,d). 
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5.3 Experimental 

5.3.1 Resins 

Two separate multi-material systems were formulated for the fabrication of multi-material tissue 

scaffolds. Each multi-material system was composed of one photocurable resin intended to 

promote fibroblast adhesion and proliferation and one designed to prevent cell adhesion. Selective 

placement of the dissimilar materials in a single tissue scaffold was hypothesized to permit spatial 

control over cell adhesion and proliferation. The resin compositions are shown in Table 5.1. 

 

The first multi-material system used in this work included a resin (óNaAMPSô) based on 2-

acrylamido-2-methyl-1-propanesulfonic acid sodium salt (NaAMPS). Our previous work has 

demonstrated excellent adhesion and proliferation of NIH 3T3 fibroblasts on scaffolds 3D printed 

with a NaAMPS-based resin (see Chapter 3). NaAMPS is available as a 50 wt% solution in water 

(Sigma Aldrich). As in our previous work, the prepolymer solution was formulated with 75 wt% 

NaAMPS solution and 25 wt% PEGDA. A photocurable resin was created from the prepolymer 

by adding 1 wt% photoinitiator (TPO, diphenyl(2,4,6-trimethylbenzoyl)phosphine oxide, Sigma 

Aldrich). A UV absorber, Sudan Black B (TCI Chemicals), which aids in curing thin layers and 

preventing print-through was added to the mixture at 0.20 wt%, producing a black resin. Sudan 

Black B has previously been shown to have negligible cytotoxicity at concentrations similar to 

those used in this study [29]. 

 

The first multi-material system also included a resin, óPEGDA-Cô (C designates a clear resin), 

based on poly(ethylene glycol) diacrylate (PEGDA, Mw = 575 g/mol, Sigma Aldrich) that was 

designed to prevent cellular adhesion. PEGDA has been shown in the literature to have low 
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cytotoxicity but very low cellular adhesion [2]. In addition, previous studies have shown that 

PEGDA can be fabricated into high resolution structures using VP [2]. The prepolymer mixture 

designed to prevent fibroblast adhesion contained 90 wt% PEGDA (Mw = 575 g/mol, Sigma 

Aldrich) and 10 wt% 2-Hydroxyethyl methacrylate (HEMA). HEMA, which also helps prevent 

cell adhesion, was incorporated to increase the swelling in water of the PEGDA-based resin 

[30,31]. 

 

Like the NaAMPS resin, it also included 1 wt% TPO. However, an alternative UV absorber was 

used so as to create a clear resin, which allowed the regions of multi-material scaffolds fabricated 

from either NaAMPS or PEGDA-C to be differentiated from one another. The UV absorber, 

BBOT (2,5-bis(5-tert-butyl-benzoxazol-2-yl)thiophene, TCI Chemicals), was incorporated at 0.20 

wt%.  

 

Table 5.1. Compositions of the prepolymer solutions used for multi-material tissue scaffold 

fabrication. Photoinitiators and UV absorbers were subsequently added to these formulations. All 

quantities are in wt %. 

 Resin name 

NaAMPS (50 

wt% solution 

in H2O) 

Epoxidized 

soybean oil 

acrylate 

(ESOA) 

PEGDA HEMA 

Multi -

material 

system #1 

NaAMPS 75  25  

PEGDA-C   90 10 

Multi -

material 

system #2 

Soy  50 50  

PEGDA-B   100  

 



149 

 

A second multi-material system, consisting of two additional resin formulations, was designed to 

overcome the limitation posed by a swelling mismatch between NaAMPS and PEGDA-C that 

prevented the fabrication of some multi-material geometries. The first resin, óSoyô, was designed 

to promote fibroblast adhesion and proliferation in vitro. Work by Miao et al. showed that 

epoxidized soybean oil acrylate (ESOA) can be selectively photopolymerized with UV light [11]. 

The parts were shown to support human mesenchymal stem cell (hMSC) adhesion and growth for 

periods up to five days. However, ESOAôs relatively high viscosity makes it difficult to print, 

which may have contributed to the lack of tall or geometrically complex structures in Miao et alôs 

work [11,32]. 

 

The viscosity was reduced by creating a mixture of 50 wt% ESOA and 50 wt% PEGDA, which 

permitted rapid recoating of thin layers and lower peel forces [33]. PEGDA contributes to very 

low cellular adhesion, but we hypothesized that a sufficient quantity of Soy in the resin would still 

serve to encourage cellular adhesion, as was found to be true with the NaAMPS resin (see Chapter 

3). Solvent (e.g., acetone) could have been used to reduce the resins viscosity, but removal of 

solvent after printing was likely to lead to severe distortions of the 3D printed scaffoldôs shape and 

size and would have affected the swelling ratio of the resin [34]. Heating the resin is another 

approach that could have been used to recoat thin layers of pure ESOA, as the material 

demonstrates a substantial drop in viscosity at elevated temperatures [35]. However, this would 

have required hardware modifications to the Ember VP system. The resin was prepared by adding 

1 wt% TPO and 0.20 wt% BBOT to the mixture of ESOA and PEGDA. The Soy resin was 

transparent with a slightly yellow color. 

 



150 

 

The final resin, óPEGDA-Bô (B designates a black colored resin) contained PEGDA as its only 

photopolymerizable component and was designed to prevent cellular adhesion. The PEGDA-B 

resin was formulated by adding 0.20 wt% Sudan Black B and 1 wt% TPO. 

 

5.3.2 Scaffold Fabrication 

An Autodesk Ember VP 3D printer was used to fabricate tissue scaffold structures. The printer has 

a build area of approximately 40 x 64 mm with a maximum part height of 134 mm and a projected 

pixel size of 50 Õm. The resin vatôs PDMS window was coated with an adhesive-backed 

fluorinated ethylene propylene (FEP) film to reduce adhesion of the polymerized resin to the 

window and reduce the peel forces required for recoating. This was done to help enable the printing 

of small features and softer resins which would otherwise be damaged by the large peel forces. 

Scaffolds fabricated entirely from a single resin had 600 µm square pores, 200 µm wide pillars, 

and 84% porosity (Fig. 5.1a). The model was sliced into 100 µm layers. In the first multi-material 

system, NaAMPS layers were exposed for 8 s per layer and PEGDA-C layers for 3.6 s each. In the 

second system, Soy layers were exposed for 1.5 s and PEGDA-B layers for 8 s. The Autodesk 

Ember VP system has a nominal intensity of 20 mW/cm2 at 405 nm. 

 

Block multi-material scaffolds (Fig. 5.1b) containing two materials and a single material change 

were fabricated using the same design. After printing the first half of the scaffold, the print was 

paused to allow for material exchange. The build platform was removed and the partially printed 

scaffold cleaned using compressed air and Kimwipes. Any resin that remained on the build 

platform after the use of compressed air was carefully wiped away. Attempts to use solvent for 

part cleaning were thwarted by slight swelling of the scaffold, which caused it to delaminate from 
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the build platform. The first resin was removed from the resin vat and the window cleaned with 

ethanol. The second resin was added and the print resumed to allow for completion of the multi-

material print. Printed scaffolds were cleaned in ethanol, post-cured in a UV chamber for 10 min, 

and then stored in deionized (DI) water. The fabrication process is shown schematically in Fig. 

5.2. 

 

More complex multi-material scaffolds (Fig. 5.1c,d) with vascular-like structures were fabricated 

with multiple material exchanges. The scaffold design measures 8 mm wide, 12 mm long, and 7 

mm tall. The perfusion network forms a double cross (when viewed from above) with the single 

channel extending the length of the scaffold. The inside of the channels measure 600 µm in height 

and 1 mm in width. Their wall thickness is 100 µm. The design was intended as a proof-of-concept 

to demonstrate the ability to fabricate multi-material scaffolds that provide additional function and 

utility compared to single material scaffolds. In this case, the network of tubes that extends through 

the scaffold could be used as a means of perfusing the scaffold with a growth medium to mimic 

the function of a vascular network in a living tissue. We envision that this sort of design could help 

overcome the size limitations of tissue scaffolds on which cells can be kept viable for an extended 

period of time. In contrast with scaffolds fabricated from a single adhesion-promoting material, 

this design would prevent growth in certain areas (the channels) to maintain a path for fluid flow 

and delivery of nutrients to all areas of the scaffold, especially to the center. This is analogous to 

the vascular network in a tissue which must remain patent to allow blood to flow. Scaffold layers 

containing both materials were fabricated by exposing and curing certain areas of the slice with a 

first material (e.g., with the material promoting cell adhesion), exchanging for a second material, 

and subsequently exposing other areas of the slice (e.g., the areas of the tubular network with the 
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material preventing cell adhesion). Partially printed scaffolds and the resin vat were cleaned in the 

same manner as the block multi-material scaffolds that had a single interface. While the cleaning 

and material exchange processes were not automated like in some previously reported systems 

(e.g., [19,23]), it was not necessary to build any custom hardware or write control software. 

 

 

Fig. 5.1. Digital models of the tissue scaffolds fabricated using VP. A) Model used to fabricate 

ósingle materialô tissue scaffolds. The scaffold, with side lengths of 4 mm, contains square pores 

measuring 600 µm and 200 µm wide pillars. B) The model for óblockô multi-material tissue 

scaffolds is identical to that used for single material scaffolds except for a single material change 

that occurs half way through the print. The grey and blue areas of the scaffold represent areas 
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fabricated from dissimilar materials. C) The ócomplexô multi-material scaffold model is much 

larger (8 mm wide, 12 mm long, and 7 mm tall) and contains several material exchanges during 

the print. The areas intended for cell adhesion (dark grey) also have 600 µm pores and 200 µm 

pillar widths. D) A sectioned view of the complex multi-material model shows the tubular network 

designed to prevent cell adhesion (blue) running horizontally through the part. In this area, the cell 

adherent material is patterned into only horizontal pillars rather than both horizontal and vertical 

pillars to improve the partôs strength. 

 

The printed scaffolds were evaluated and imaged using an optical microscope equipped with an 

18-megapixel complementary metalïoxideïsemiconductor (CMOS) camera (AmScope). 

Measurements of the printed scaffolds were compared against the as-designed dimensions. In 

addition, the interfaces between different materials in the multi-material scaffolds were imaged to 

identify potential cross-contamination. The complex multi-material scaffold was imaged to 

determine whether the channels in the part remained patent. 
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Fig. 5.2. The printing process of a óblockô multi-material tissue scaffold with a single material 

exchange is shown. The digital model of the scaffold is shown in Fig. 5.1b. The printing begins 

with a first resin (1) and proceeds as it would for a single material scaffold until the print is half 

completed (2). The fabrication process is paused, the resin is removed from the vat, and the part 

cleaned with compressed air (3). The second resin is added to the vat (4) and printing continues 

with the new material (5) until the entire part has been fabricated (6). Iteration of steps 3-5 occurs 

for the fabrication of parts with additional material exchanges. 

 

5.3.3 Cell Culture 

NIH 3T3 murine fibroblasts were grown in tissue cultured treated polystyrene flasks in alpha 

minimum essential media (MEM-Ŭ 1X, ThermoFisher Scientific) supplemented with 10% fetal 

bovine serum (ThermoFisher Scientific) and 1% penicillin-streptomycin-amphotericin B 

(MediaTech CellGro). The NIH 3T3 were grown under standard culture conditions (37 °C and 5% 

CO2) and subcultured when 70 - 80% confluent [36]. 
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5.3.4 Cell Seeding and Evaluation of NaAMPS and PEGDA-C Scaffolds 

Prior to seeding cells on the 3D printed scaffolds, it was necessary to remove any cytotoxic 

unreacted monomer from the gels. This was done by washing the scaffolds in 70 wt% ethanol three 

times for 1 h per wash. This also served to sterilize the scaffolds. The ethanol was removed from 

the scaffolds with two washes in sterile phosphate buffered saline (PBS, ThermoFisher Scientific), 

also for 1 h per wash. Finally, scaffolds were placed in complete media to allow the adsorption of 

proteins to the scaffolds to aid cell adhesion. 

 

In preparation for seeding, the NIH 3T3 were lifted from flasks using 0.50% trypsin, centrifuged, 

resuspended, and counted using a hemocytometer. Scaffolds were placed in 24-well Corning 

Costar ultra-low attachment well plates and the cell suspension pipetted on top of the scaffold. 

NaAMPS, PEGDA-C, and multi-material scaffolds fabricated from these two resins were seeded 

with 1.75 x 105 cells and cultured for 4 or 7 d (n = 3-6 per treatment group). The cell suspension 

volume pipetted onto each scaffold was approximately 30 µL. This volume was sufficiently small 

to ensure that the entirety of the suspension was absorbed into the scaffold via capillary forces 

rather than spreading across the ultra-low attachment well plate. After 4 h, sufficient time for the 

NIH 3T3 to adhere to the scaffolds, additional media was added to each well (1 mL total volume). 

Media was exchanged every 2-3 d. 

 

In preparation for fluorescence straining, the cells were fixed using 10% neutral buffered formalin 

(ThermoFisher Scientific). After washing with PBS, cells were stained in the dark for 1 h with 5.7 

µM DAPI (4',6-diamidino-2-phenylindole dihydrochloride, Invitrogen) and 100 nM Texas Red-X 

(Invitrogen). This allowed for visualization of cellular nuclei and actin respectively. The scaffolds 
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were then stored in PBS at 4 °C in the dark prior to imaging. A laser scanning confocal 

fluorescence microscope (Zeiss Axio Observer.Z1) was used to image cells on the scaffolds and 

qualitatively evaluate cell proliferation by region in the multi-material scaffolds. 

 

5.3.5 Cell Seeding and Evaluation of Soy and PEGDA-B Scaffolds 

Scaffold preparation to remove unreacted monomer was performed in the same way as those made 

from the first multi-material system. Single material Soy and PEGDA-B, as well as multi-material 

scaffolds made from these two materials were seeded with 5 x 104 cells suspended in a volume of 

30 µL and cultured for either 1 or 4 d. Previous work has shown cells can be cultured on structures 

made from epoxidized soybean oil acrylate, but this had not been demonstrated on a resin 

containing half ESOA and half PEGDA [11]. A quantitative MTS assay was used to verify that 

fibroblasts would adhere to and grow on single material scaffolds made from the Soy resin and 

compared to cell culture on PEGDA-B scaffolds. Fibroblast proliferation was determined after 1 

and 4 d of culture using a colorimetric MTS assay (3-(4,5-dimethylthiazol-2-yl)-5-(3-

carboxymethoxyphenyl)-2-(4-sulfophenyl)-2H-tetrazolium, Celltiter 96, Promega) as previously 

described (see Chapter 3). The scaffolds (n = 3-6) were moved to new well plates and immersed 

in 500 µL media and 100 µL MTS reagent. The plates were incubated for two hours in the dark, 

solution (100 µL) pipetted from each well into a separate 96 well plate, and the absorption of the 

solution at 490 nm measured immediately using a plate reader (BioTek Synergy Mx). Cell quantity 

was calculated by comparing absorption values to a standard curve. 

 

In addition, single interface multi-material Soy/PEGDA-B scaffolds (n = 3) were cultured for 4 d 

and stained in the manner described in the previous section. This allowed the evaluation into 
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whether scaffolds made from the second multi-material system would enable spatial control over 

cell adhesion and proliferation. 

 

Larger ócomplexô multi-material scaffolds fabricated from Soy/PEGDA-B with perfusion channels 

(n = 2), which had a much larger volume than the single interface multi-material scaffolds, were 

seeded with 2 x 105 fibroblasts. Cells on these scaffolds were cultured for 7 d and then stained and 

imaged using the same protocols. 

 

5.3.6 Statistics 

Statistical significance between samples was determined using ANOVA followed by Tukeyôs 

HSD post-hoc test using Origin 2019. Values are reported as averages ° standard deviation. 

 

5.4 Results & Discussion 

5.4.1 Fabrication of NaAMPS and PEGDA-C Scaffolds 

Single material tissue scaffolds were printed to assess the VP systemôs ability to fabricate porous 

structures with the formulated resins and to evaluate the propensity for NIH 3T3 to adhere and 

proliferate on the individual materials. Optical images of printed scaffolds (Fig. 5.3a-d) revealed 

accurate fabrication results, although NaAMPS scaffolds experienced a relatively large uptake of 

water. Swelling caused the pillars of the NaAMPS scaffolds to enlarge to approximately 350-400 

µm in width, which was much larger than the PEGDA-C pillars, which were only 200 µm wide. 

 

Following fabrication of single material scaffolds, multi-material scaffolds were fabricated to 

investigate whether cell response could be spatially modulated in a tissue scaffold made from 
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dissimilar materials. Multi-material scaffolds were fabricated using the same geometry with a 

material exchange and part cleaning at the mid-point of the print (Fig. 5.1b). A sharp interface 

between the two materials was observed between the two layers that make up the horizontal beams 

in Fig. 5.3a. Despite the transparency of the PEGDA-C, a clear layer can be distinguished from 

the underlying black layer in the isometric view. These images suggest that contamination between 

the two resins had not occurred during fabrication. 

 

The isometric view of the multi-material scaffold in Fig. 5.3f reveals the differences between the 

two resinôs water uptake. The swelling of NaAMPS regions was particularly large. In fact, initial 

formulations of PEGDA-C did not contain HEMA; however, the swelling disparities between the 

two materials caused the parts to fracture when immersed in water. HEMA was incorporated into 

the PEGDA-C resin in an attempt to more closely match the swelling ratio of NaAMPS. 

 

Unfortunately, the more complex scaffold design (Fig. 5.1c) with multiple material exchanges 

could not be successfully printed on the Autodesk Ember when using the NaAMPS and PEGDA-

C resin combination due to their swelling mismatch. The mismatch caused stress to accumulate at 

the material interface, ultimately leading to part failure. Delamination between NaAMPS and 

PEGDA-C regions of the scaffolds occurred during the recoating step of printing due to the peel 

forces experienced by the part during recoating. Reduced peel forces could be obtained with a VP 

system that uses an oxygen-permeable window [8,37]. These systems create a thin oxygen-rich 

layer of photopolymer directly above the UV transparent window, inhibiting photopolymerization 

in this ódead zoneô. Use of a VP system with an oxygen inhibition zone might sufficiently reduce 

peel forces during printing to allow the fabrication of more complex multi-material geometries 
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with NaAMPS and PEGDA-C. However, doing so would not prevent the additional accumulation 

of stresses at the material interfaces induced during storage of parts in water from potentially 

causing part failure. 

 

These results demonstrate the importance of accounting for swelling ratios when choosing resins 

for 3D printing multi-material tissue scaffolds. Past work in printing multi-material scaffolds with 

VP has generally either avoided the use of hydrogels (which span a large range of swelling ratios) 

or used a single bulk hydrogel material [17,19]. The single hydrogel material chosen (e.g., GelMA, 

PEGDA) was modified in various ways by incorporating different cell types, colored particles, or 

bioactive molecules to create multiple dissimilar resins [24]. These additives affect certain 

properties of the resin, but were present in quantities too small to cause a substantial change in 

swelling ratio. When fabricating multi-material scaffolds with VP, it is clearly important to 

consider the swelling of each resin to ensure their compatibility. To overcome the challenge posed 

by the swelling mismatch between the NaAMPS and PEGDA-C resins, a new set of resins with 

more compatible swelling ratios was formulated (Soy and PEGDA-B). 
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Fig. 5.3. Representative optical images of single material 3D printed scaffolds fabricated using 

NaAMPS (a,b) or PEGDA-C (c,d) and multi-material scaffolds fabricated using both materials (e, 

f). In the isometric view of the NaAMPS/PEGDA-C multi-material scaffold (f), the lower half of 

the scaffold made from NaAMPS has swollen more than the PEGDA-C upper half due to water 

uptake. Scale bars represent 250 µm in the side view images of the scaffolds (a,c,e) and 1 mm in 

the isometric views (b,d,f). 

 

5.4.2 Cell Adhesion and Proliferation on NaAMPS and PEGDA-C 
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Fibroblasts covered much of the 3D printed NaAMPS scaffolds after 4 days of culture (Fig. 5.4a), 

confirming that photocured parts fabricated from this resin provide a suitable substrate for NIH 

3T3 adhesion and proliferation. Conversely, while cells were present on the PEGDA-C scaffolds 

at this time point, the fibroblasts were clumped together rather than spread across the scaffold 

surfaces (Fig. 5.4b). There appeared to be only a small number of adhesion sites between cells and 

scaffold, with many cells adhered only to other cells. This result suggests that parts fabricated from 

PEGDA-C are poor substrates for NIH 3T3 fibroblast adhesion. 

 

After 7 days, additional proliferation of NIH 3T3 and coverage of the NaAMPS scaffolds was 

observed (Fig. 5.4c), indicating that NaAMPS scaffolds continued to provide a favorable substrate 

with minimal cytotoxicity. Surprisingly, cell number on PEGDA-C scaffolds also increased (Fig. 

5.4d). Past literature suggests that without surface coating, functionalization of PEGDA with RGD 

moieties, or other modifications, the material is bioinert and does not favor cell adhesion [2,25]. 

We hypothesize that the incorporation of 10 wt% HEMA in the resin, which does not encourage 

cellular adhesion but can permit protein adsorption, could have facilitated cell adhesion to the 

scaffolds. Despite this, the fibroblasts were clumped together and did not form a monolayer of 

cells on the scaffoldôs surfaces, as would be expected for a favorable substrate (e.g., tissue culture 

treated polystyrene). 

 

Cell culture on multi-material tissue scaffolds fabricated using NaAMPS and PEGDA-C provided 

strong evidence for the use of such scaffolds to engineer a spatially modulated cell response. After 

4 days, nearly all cells were observed to be on the NaAMPS section of the scaffold (Fig. 5.4e). 

The PEGDA-C section contained small regions with cells, but like the PEGDA-C single material 
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scaffolds, the fibroblasts appeared clumped together. These results were even more exaggerated 

after 7 days (Fig. 5.4f). A confluent layer of fibroblasts covered the NaAMPS section of the 

scaffold while almost no cells were identified on the PEGDA-C areas. Proliferation of cells even 

resulted in a slight reduction in pore size due to cells beginning to fill them in. In addition, cell 

number was markedly lower on the PEGDA-C regions of the multi-material scaffolds than on the 

single material PEGDA-C scaffolds. We attribute the lower quantity of cells on the PEGDA-C 

regions to the migration of cells from an unfavorable substrate to a more favorable one. This 

suggests the fibroblastôs strong preference for NaAMPS over PEGDA-C. 

 

 

Fig. 5.4. Representative three dimensional reconstructions of confocal fluorescence images taken 

on scaffolds fabricated from NaAMPS (a,c), PEGDA-C (b,d), and on multi-material scaffolds 

made from both materials (e,f) show murine fibroblasts attachment and proliferation after 4 d 

(a,b,e) and 7 d (c,d,f) of culture. Cells were stained for actin (red) and nuclear material (blue). 

Scaffolds, especially those fabricated from PEGDA-C, autofluoresce in the blue spectrum (b, 

indicated by red arrow). After 4 d of culture, fibroblasts have adhered and spread on the NaAMPS 
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scaffold (a), but are clumped together on the PEGDA-C scaffold (b). After 7 d, cells appear to be 

proliferating and spreading further across the scaffold and in the pore of the NaAMPS scaffold (c). 

An increase in cell number is also apparent on the PEGDA-C scaffolds at this time point, but they 

continue to clump together rather than spread across the material (d). Selective fibroblast adhesion 

and proliferation occurred on multi-material scaffolds after 4 d (e) and 7 d (f). The top half of each 

image shows a PEGDA-C pore while the lower pore is fabricated from NaAMPS. The white 

arrows indicate the location of the interface between NaAMPS and PEGDA-C. At the 7 d time 

point, virtually no fibroblast remain on the PEGDA-C regions of the scaffold, while fibroblasts are 

confluent on the NaAMPS region. Some cells have even spanned the diagonal of the pore shown, 

although this was not observed on most pores. Samples were stained (n = 3-5) and imaged at each 

time point and scaffold type. All scale bars represent 250 µm. 

 

5.4.3 Fabrication of Soy and PEGDA-B Scaffolds 

Single material scaffolds were fabricated from the Soy and PEGDA-B resins were then evaluated 

for accuracy and whether they had sufficiently close swelling ratios to permit multi-material 

scaffold fabrication. Printed scaffolds are shown in Fig. 5.5a-d. Some swelling of pillars from 

water uptake was observed in the PEGDA-B scaffolds and, to a lesser extent, in the Soy scaffolds. 

However, the resulting differences in pillar width (250 µm for Soy and 300 µm for PEGDA-B) 

was substantially smaller than that between NaAMPS and PEGDA-C. Consequently, the resin pair 

was expected to be more conducive to the fabrication of multi-material tissue scaffolds than the 

NaAMPS/PEGDA-B resin system. 
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Tissue scaffolds fabricated from the block multi-material model are shown in Fig. 5.5e,f. A sharp 

interface can again be seen between the Soy (clear) and PEGDA-B (black) indicating a lack of 

contamination between the two materials. During fabrication of the simple multi-material scaffolds 

from NaAMPS/PEGDA-C, a black resin was exchanged for a clear resin. In the scaffolds made 

from Soy/PEGDA-B, the opposite exchange of colors was made. The transparency of the regions 

fabricated from the clear resins validated the quality of the cleaning process employed and 

indicated that the process was not impacted by the fabrication order of resins. The PEGDA-B area 

of the multi-material scaffolds swelled to a greater degree than the Soy region (Fig. 5.5f), but the 

difference between the two was not so large as to cause part failure. Fabrication of the more 

complex scaffold design (Fig. 5.1c) with Soy/PEGDA-B is discussed in a subsequent section. 
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Fig. 5.5. Representative optical images show tissue scaffolds fabricated from a single material, 

either Soy (a,b) or PEGDA-B (c,d). Pillar widths after swelling in water were approximately 250 

µm in the scaffolds fabricated from the Soy resin and 300 µm in the PEGDA-B scaffolds. Multi-

material scaffolds (e,f) show a sharp interface between the areas printed from Soy (clear) and 

PEGDA-B (black). Slightly greater swelling was observed in the PEGDA-B part of the scaffold 

than the Soy region. Scale bars represent 250 µm (a,c,e) or 1 mm (b,d,f). 

 

5.4.4 Cell Adhesion and Proliferation on Soy and PEGDA-B 
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The MTS assay was used to evaluate the propensity of NIH 3T3 to attach and proliferate on pure 

PEGDA-B and Soy scaffolds. It was surprising to find a relatively large number of the 5 x 104 

cells seeded onto the PEGDA-B scaffolds (34.4% ± 3.4%) had successfully attached. Their number 

also increased slightly over the next three days. Cell seeding efficiency on Soy scaffolds was very 

high, at 91.4% ± 5.1%. A statistically significant increase in cell number was also observed on the 

Soy scaffolds between 1 and 4 days of culture (Fig. 5.6, p < 0.05). Although the adhesion and 

proliferation of cells on the PEGDA-B was greater than expected, we hypothesized that a migration 

of cells from PEGDA-B regions of multi-material scaffolds to Soy regions might occur in the same 

way as was observed in the NaAMPS/PEGDA-C scaffolds.  

 

 


























































