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EPIGRAPH

We build toys. Some of those toys change the world.

– Nassim Taleb The Black Swan

I returned, and saw under the sun, that the race is not to the swift, nor the battle to

the strong, neither yet bread to the wise, nor yet riches to men of understanding, nor

yet favour to men of skill; but time and chance happeneth to them all.

– Ecclesiastes 9:11
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ABSTRACT OF THE DISSERTATION

Modulating Physical and Chemical Properties of Biomaterials in Rapid
3D Printing

by

Pengrui Wang

Doctor of Philosophy in Materials Science and Engineering

University of California San Diego, 2019

Professor Shaochen Chen, Chair

Understanding the physical and chemical properties of biomaterials in rapid

3D printing could pave a way for the construction of complex structures with specific

functionalities. Both the material conditions and printing techniques play crucial roles

in modulating these properties. This dissertation was dedicated to answering the basic

questions about how to engineer and improve the mechanical performance of rapidly

xix



3D printed structure from synthesis and printing process. Three distinct groups of

materials, namely plastic, soft hydrogels, and elastomeric polymers were used as

case studies to reveal their relationships. Additionally, the toughening mechanism

of networks with di�erent mechanical properties was discovered and tested. These

results could help future studies in rapid prototyping of medical devices, as well as

adapting 3D printing in tissue engineering as a new direction.

xx



Chapter 1

3D Printing Polyurethane for

Biomedical Applications

1



1.1 Background

1.1.1 Chemistry

Polyurethanes(PUs) are a family of polymers with urethane (-NHCOO-) group

in the polymer backbone. They are commonly derived from exothermic condensation

reactions between nucleophilic di-isocyanate and electrophilic agents such as alcohols

and amines in presence of a chain extender, catalyst and/or other additives [1].

Based on the mechanisms, it could be classified by one-stage polymerization, where

di-isocyante, oligo-diols and chain extenders are reacted simultaneously, or two-

stage reaction where the first two components are reacted and chain extenders are

added in a separate reaction, as shown in Fig. 1.1 [2]. Both aromatic and aliphatic

isocynates can be used in PU synthesis. Compared to aliphatic iscocynates, aromatic

isocynates such as diphenylmethane di-isocynate (MDI) or toluene di-isocynates

(TDI), shown in Fig. 1.2 are more widely used in industry owing to their high

reactivity and better mechanical properties of the PUs produced. The oligo-diols can

be categorized as polyether, polyester and other special polyols such as polycarbonate,

polycaprolactone and polybutadienes, as shown in Fig. 1.3 Polyether-based PUs are

linear polymers commonly made from polyethers such as polyethylene glycol (PEG)

and poly (tetramethylene ether) glycol. They have demonstrated high flexibility

and hydrolytic resistance. However, researches have found that they su�ered from

oxidative and thermal stress, excluding them from standard decontamination process

such as autoclave. To improve PUs performance at elevated temperatures, polyester-

based PUs were developed. They were commonly synthesized from diols such as

2



Figure 1.1: Polymerization Mechanism of Polyurethanes

Figure 1.2: Common Di-isocyanates used in Polyurethane Synthesis
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Figure 1.3: Common Oligodiols used in Polyurethane Synthesis

poly(ethylene adipate) diol and poly(butylene adipate) diol. The ester bonds are more

stable than ethers at elevated temperatures, resulting in more heat resistant PUs.

However, these ester bonds are more prone to hydrolytic degradation, which limited

their applications in water contacts such as most of biomedical research. To improve

PUs stability in heat and wet conditions, a specially derived PUs, polycarbonate-

based PUs were developed. They have demonstrated superior mechanical properties

and thermal stabilities. Additionally, they are also more bio-durable and hydrolytic

resistant.

The chain extenders and cross-linkers used in synthesizing PUs are generally

diols and diamines of lower molecular weight such as ethylene glycol, 1,4-butanediol

and cyclohexane di-methanol. They were incorporated into the polymer chains to

introduce more cross-linkings and hydrogen bonding to enhance the mechanical
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Figure 1.4: Thermoplastic and Thermosetting PUs

properties of the PUs.

Based on the reaction mechanism and polymer backbone structures, PUs can

be categorized as thermoplastic or thermosetting, as shown in Fig. 1.4 The main

di�erence is the presence of covalent cross-linking sites on the polymer backbones.

Thermoplastic PUs (TpPUs) are linear block polymers synthesized from reagents with

di-functional groups such as diols and di-amines without cross-linkers. They typically

have low melting point and poor mechanical performance at elevated temperatures.

They can be readily dissolved into polar solvent which makes them easily adapted by

traditional processing techniques such as solvent casting and fiber spinning. Owing

to their mechanical properties, lower glass transition temperature and solubility in

polar solvents, TpPUs have also been widely investigated in additive manufacturing
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such as 3D printing (3DP). Thermoset PUs (TsPUs) are synthesized from reagents

with multiple functional groups such as trimethylolpropane and glycerol and/or in

the presence of cross-linkers such as excess isocynates. Due to the rigid network

structures of TsPUs, they generally have high melting point and do not experience

strength reduction at elevated temperatures. Other than these two types of PUs,

they can form interpenetrating polymer networks (IPN) with other polymers such

as epoxy and acrylates without bulk phase separation. These IPNs have enhanced

mechanical performance by combining the advantageous properties of the components.

For example, PU/epoxy IPNs have both the flexibility of PU and toughness of epoxy.

One of the most important contributors of PUs mechanical properties is

microphase separation within the chemical structures, as shown in Fig. 1.5 [3]. This is

due to the complex backbone structures of PUs with hard segments, such as benzenes,

and soft segments, such as esters. The hard segment can act as physical cross-linking

points whereas the soft segments can rotate freely. In the presence of external forces,

the hard segments can retain the integrity of overall structure and the soft segments

can absorb the energy and dissipate it as heat.

The development of PUs could be dated back to 1930s where Dr. Otto Bayer

and his coworkers at IG Farben AG discovered a new polymer from polymerizing

olefins. The early PUs have demonstrated excellent flexibility and strength, which were

synthesized as soft foams and flexible fibers. The shortage of rubbery materials during

WWII encouraged production of PUs for aircraft coatings and other applications.

After the polyisocyanates were commercially available in 1950s, Bayer started to

produce flexible PUs using TDI and polyester polyols. Since then, PUs have been
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Figure 1.5: TEM showing Microphase Separation of Soft and Hard Segments in
PUs

extensively developed into textile, automobile and biomedical applications.

1.1.2 Biomedical Application

Owning to their excellent mechanical properties and biocompatibility, PUs

have been extensively investigated for biomedical applications. The early generations

of polyester-based PUs have demonstrated superior mechanical properties such as

tensile strength, wear and craze resistance. Additionally, they have low immune

response in vivo, thus were used in making blood pump connectors and breast

implants [4]. However, polyester-based PUs are prone to attacks from hydrolytic

enzymes, limiting its applications in long-term devices. The reduction in mechanical

strength and water resistance at high temperature also prohibits them from standard

decontamination process such as autoclave.

Polyether-based PUs were developed for their excellent resistance to hydrolysis
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as well as elasticity. They were used in neurologic leads, cardiac guidance and

pacemaker insulation [5]. Some of the commercially available products such as

BioSpan ® from Polymer Technology Group and Pellethane ® from Lubrizol has been

widely used in the biomedical field. However, it has been found that polyether-based

PUs su�er from stress cracking after implantation due to free radical release from

macrophages or foreign giant cell [6–8]. Polyether-based PUs is also prone to enzymic

attacks.

To solve the problems faced by both polyester-based and polyether-based PUs,

polycarbonate-based and polyolefin-based PUs were developed as the 3rd generation

biomedical and biodurable PUs. They have demonstrated better hydrolytic resistance

and oxidative stability both in vitro and in vivo. Two commercially available products,

Carbothane ® from Lubrizol and Chronoflex TM from AdvanSource Biomaterials have

been introduced in early 2000s. The current development has been focusing on

improving their bio-stability and flexibility, such as enhancing the hydrogen bonding

of hard segments and adjusting microphase separation.
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1.2 3D Printing of PUs

Three dimensional printing (3DP) is an additive manufacturing process which

the object was constructed in a layer-by-layer (LbL) fashion onto a movable platform.

During the printing, a fluidic material was introduced then transformed into a

solid following guidance from either physical deposition or light patterns for photo-

polymerization, depending on the reaction mechanism. Due to the fast processing

speed and high degree of customization, 3DP has been widely studied in the biomedical

field where time and individuality are crucial [9]. In this section, we will discuss the

current progress in adapting di�erent printing techniques on PUs for some biomedical

applications.

1.2.1 Thermal inkjet Printing

Thermal inkjet 3DP is a fabrication process by injecting liquid binding solution

onto a powder bed [10–14]. The process starts by spreading a layer of fine powder

evenly across the stage while the print head selectively deposits binder solutions

onto the powder layer. The stage, powder bed and printed parts are then lowered,

followed by another deposition process as before until the entire part is fabricated.

The unbound powder is then removed by washing. The overall process is illustrated

in Fig. 1.6 Thermal inkjet 3DP has been used to print many biodegradable PUs,

including PUs from MDI, polycaprolactone diols. Krober et al. demonstrated printing

of micro-scale dots, lines and pyramids by injecting isophorone di-isocynate and poly

(propylene glycol) oligomer. The two inks polymerized in five minutes when injected
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Figure 1.6: Schematic of Thermal Inkjet Printing Process

by two separate nozzles [15]. The addition of fluorescent dyes in only one ink confirmed

the homogeneous mixing of both inks on the substrate. Furthermore, Muller et al.

used di�erent polyols to print structures with gradient local sti�ness by varying the

stoichiometric ratios of the reagents [16]. The main advantage of thermal inject

printing was its relatively low operational cost. However, it lacks precision in droplet

directionality. The challenge from nozzle clogging and exposure of ink to thermal

and mechanical stress also limited its application in bioprinting [17].

1.2.2 Thermal Extrusion Printing

Thermal extrusion-based 3DP is another LbL process by selective deposition

of molten and semi-molten polymer solutions from a movable extrusion print head,

as shown in Fig. 1.7 [9, 18–20]. It includes a wide range of techniques such as

fused deposition modeling (FDM), fiber deposition, fluid dosing, etc. As one of
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Figure 1.7: Schematic of Thermal Inkjet Printing Process
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the most adapted 3DP process, FDM has been used in PU-based biomedical device

manufacturing since early 1990s. Chen et al. printed a resin composed of PU, poly

(lactic acid) (PLA) and graphene oxide via FDM to create a substrate with enhanced

mechanical and thermal properties for NIH 3T3 cells to grow on [21]. However,

since FDM requires melting of materials before deposition, the heat might induce

pyrohydrolysis of polyester segment in biodegradable PUs at elevated temperature

and subsequent reduction of tensile strength [22]. Recent development in liquid-frozen

FDM (LFDM) overcame the challenge by dissolving PUs into organic solvent to

reduce the viscosity, hence improve the ink flowing during the printing process. Xu et

al reported printing of biodegradable PUs in 1,4-dioxane to fabricate vascular stents.

After removing the solvent, the stents retained the excellent mechanical properties

and biodegradabilities [23]. The addition of heparin by Yan et al. improved the

anticoagulation properties of the printed stents [24]. Furthermore, Cui et al. and

Wang et al. used a double nozzle system with two inks from solubilized PUs and

type I collagen to print nerve conduits. The printed structure combined excellent

mechanical properties from PUs and biological a�nity from collagen to promote nerve

repair.

LFDM has expanded the material choice of 3DP of biocompatible PUs. How-

ever, the toxicity from residual organic solvent still limited their applications in

biomedical research such as cell incorporation. This shortcoming has been overcome

by the discovery of waterborne biodegradable PUs in FDM. Hsu et al. mixed PU

nanoparticles consisting diols of PCL and polyethylene butylene with PEO to produce

a liquid resin for 3DP [14]. The printed structures demonstrated excellent elasticity
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and biodegradation. Furthermore, bioactive elements such as growth factors and

hydrophilic drugs/antibiotics could be incorporated in waterborne PUs to extend

their application in biomedical research [25].

1.2.3 Stereo-lithography 3D Printing

Stereo-lithography (SLA) uses focused light to construct the object from

photo-sensitive resins. Unlike inkjet and FDM printing process, the liquid to solid

transformation is initiated by exposure of light, typically via activation of photoinitia-

tors and subsequent free radical polymerization. Thus, vinyl groups and derivatives,

such as acrylate and methacrylate groups, are required in the resin polymer to be

printed by SLA. One of the most commonly used SLA methods is two-photon polymer-

ization by focusing femtosecond laser pulses into a photosensitive polymer resin. Since

the probability of electronic excitation of a photoinitiator molecule by simultaneous

absorption of two photons is quadratically related to the light intensity, two -photon

polymerization can easily achieve nano-meter resolutions in high speed [26]. In the

work by Lee et. al, a mode-locked Ti:sapphire laser beam with a wavelength of 780

nm and pulse repetition at 80 MHz was used to scan across the focal plane using

galvano mirrors. It can construct structures using a voxel matrix scanning method

or a contour o�set method with resolution of 2.5 nm [27]. In the work by Park et

al., acrylated-PU was synthesized and printed by SLA to make phase masks with

sub-micron resolution [28]. Additionally, an acrylate aliphatic urethane oligomer was

introduced into the resin to tune the elasticity of the printed structures.

Since SLA process does not require thermal energy, it enables rapid fabrication
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at physiological temperature for biomedical applications. It has been used to print

PUs for hearing aids, micro needles for transdermal drug delivery and sca�olds for

tissue engineering with or without cells. SLA is also used for dental applications

such as surgical guides, crown and bridge replacements. However, some of the toxic

photoiniators remained in the final product and are prone to leak out of the structure

in their lifespan. Researches has been focused on developing non-toxic photoinitiators

and methods to extract out them after fabrication.

1.2.4 Digital Light Processing Based 3D Printing

Digital light processing (DLP) involves regulating light projected onto pho-

topolymer resins to construct an object in a LbL fashion. Unlike conventional SLA

methods which uses one laser to "walk-through" the pattern in line-by-line fashion,

it projects the pattern by a light modulating unit such as a digital-micro-mirror-

device (DMD) [17, 18, 29–31] as shown in Fig. 1.8. For example, the DLP printer

developed by Lu et al. and Zhang et al., utilized a DMD chip composing approx-

imately one million micro-mirrors to project UV light with optical patterns onto

the resin. This dynamic optical projection stereo-lithography (DOPsL) system can

print micron-scale features due to the small focal size of the light reflect by each

micro-mirror. Additionally, the projection of entire pattern onto the resin eliminates

the maneuver time of the nozzles in both inkjet and extrusion based printing and

scanning time in SLA technique, hence reduces the overall printing time. Such speed

is especially crucial in applications such as direct cell printing and surgical operations.

Furthermore, the continuous turnaround of optical patterns with the stage motion
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Figure 1.8: Schematic of DLP Printing of PUs
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eliminates the artificial interfaces occurred between droplets in inkjet printing or

lines in extrusion printing. Owning to these advantages, DOPsL system has been

employed to create complex structures such as fractal geometries, domes, artificial

micro-fish, vascular network and neuronal conduits [32–38]. Recent development in

green chemistry-derived isocynate-free aliphatic PUs was used in the DOPsL system.

Pyo et al. demonstrated printing of flat surface with sti�ness gradient and complex

3D structures with smooth curvatures [17]. The overall fabrication takes less than

1 minute. The photoinitiator used for this printing technique have shown good

cell-compatibility and could be washed away by polar solvent such as growth media.

Additionally, the similarity between urethane bonds and proteins have promoted cell

attachments. Overall this work have demonstrate rapid fabrication of biocompatible

PUs with high fidelity and resolution.
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1.3 Application

Recent discoveries in PUs have demonstrated their tunable physical, chemical

and biological properties. Combining with advancements in 3DP, it is both possible

and desirable to expand their application in biomedical and translational applications.

The relative recency of such combination makes for relatively few examples of their

use in biomedical contexts. Nonetheless, functional examples have been reported. In

this section, we will review a number of biomedical applications from PUs by 3DP.

1.3.1 Microfluidics

Microfluidic devices encompass systems that are designed to precisely manipu-

late small volumes of fluidis and/or quantities of reagents. Conventional microfluidic

device fabrication involves photolighography, typically with elastomers like poly-

dimethylsiloxane (PDMS) [39]. However, such conventional process have a number of

shortcomings such as protein adsorption and cost of skilled manual labor [40, 41]. In

this context, PUs could solve these drawbacks by providing better material properties

and enabling greater design flexibility. Additionally, 3d printed PUs allow for direct

incorporation of multiple materials to further improve the functionalities of the printed

structure.

1.3.2 Soft Robotics

Soft robotics robotics are automated machines made by intrinsically soft

material, such as fluids, gel, and elastomers [42]. Conventionally, they are fabricated
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by casting of soft materials, such as PUs, followed by assembling di�erent parts.

Direct fabrication of soft robotic by 3DP could reduce the overall processing time

hence reduce the costs. Here we will explore several examples of soft robotics made

by 3d printed PUs in biomedical applications.

Patel et al. developed a family of highly stretchable with aliphatic urethane

di-acrylate as crosslinkers to print robotic hands. In this work, some of the printed

structures have achieved failure strain as high as 1100% [43]. With these PUs they

have demonstrated direct 3DP of a set of pneumatically actuated grippers that are

capable of picking up an object. Ful et al. utilized a multi-headed extrusion 3D

pritiner with light-assisted curing to build a three-legged soft robot from epoxy and

polyurethane as structural components. Furthermore, they embedded shape memory

alloy wires as actuators. The printed structures have demonstrated locomotion similar

to a spider’s gait [44]. Similar to this work, Yang et al. used a FDM 3D printer to print

a polyurethane based shape memory polymer (SMP) and conductive thermoplastic

polyurethane (TPU) to make a pneumatically driven gripper with variable sti�ness

and active position feedback [45]. When current is applied to the TPU component,

the resultant heating will soften the SMP, inducing shape change to work as a gripper

as shown in Fig. 1.9. By controlling the piezo-resistance behavior of the TPU parts,

they could monitor and control the grippers to grasp objects. Components like these

could be readily transferred to biomedical applications such as surgical catheters.
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Figure 1.9: Gripping Motion of Soft Robotic Hand Printed by Polyurethane
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1.3.3 Tissue Engineering

Tissue engineering and regenerative medicine involved injury repair by tissue

sca�olds. The excellent biocompatibility, adjustable biodegradation and versatile me-

chanical properties of PUs have made them good candidate for such applications [19].

In the work by Whatley et al., a biodegradable and elastic PU was printed by FDM

to make intervertebral disk (IVD) sca�olds. The printed structures demonstrated

high fidelity and accuracy in replicating the lamellae structures of injury sites at both

micro-and macro- scales [46]. The subsequent seeding of neural cells also showed

alignment along the concentric lamellae following the topographical cues provided by

the printed structures, indicating potential of neural repair. Xu et al. used biodegrad-

able PUs dessolved in 1,4-dioxane to make vascular stents via LFDM 3D printing

at low operating temperatures [23]. Their results from in vivo studies show early

vascularization along the stent. In a follow-up work, they mixed heparin in the resin

to enhance angiogenesis process. This work has demonstrated the suitable elasticity,

anticogagulation and biodegradation of PUs for vascularization work. Furthermore,

the inclusion of proteins also show the potential of PUs in applications such as drug

delivery and functional sca�olds for tissue repair.

Furthermore, water-based PUs have been used in various cell encapsulation

works. Hung et al. developed water-based composite with PU nanoparticles and

printed by LFDM to make sca�olds for cartilage repair [47]. Compared to PLGA

sca�old which were fabricated in the same fashion, the PU nanoparticles improved the

elasticity and proliferation of chondrocytes. Another water-based PU bioink developed

by Hsieh et al. was printed into conduits by LFDM while encapsulating neural stems
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cells (NSCs). These conduits were implanted into adult zebrafish with traumatic

brain injury. After 4 weeks of observation, they have shown significant improvement

in recovery of locomotion and survival rates in comparison to the untreated group [48].

Following this study, Lin et al. incorporated soy protein isolate into the bioink to

further improve the survival and proliferation of NSCs [49]. Similarly, Huang et al.

introduced water-dispersible graphene and graphene oxides into the bioink to enhance

the conductivity of the sca�olds [50]. The printed sca�olds have demonstrated

significant improvement in the oxygen metabolism and di�erentiation of the NSCs

encapsulated. In a recent work by Salin et al. a personalized left atrial appendage

occluder were printed with PU-acrylate resin based on a CT model. The structures

were printed with micron size resolutions and smooth surfaces to recapitulate the

details of healthy occluder for repair. Moreover, the mechanical properties of the

sca�old successfully maintained the stress response of actual part, indicating function

repair of damaged tissue in future works.

1.3.4 Surgical Guides and Other Applications

The rapid prototyping of structures based on 3D designs also enabled con-

struction of customized surgical guides for medical operations. Current surgical

guides were manufactured in a mass-production fashion, which follow the same design

with marginal fitting to the patients. That has became a challenge if they could

not perfectly fit into the patient’s body during surgery, especially in operations on

internal organs such as coronary heart diseases. Due to the nature of the operations,

the surgical guide also need to possess adequate mechanical properties to withstand
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the damages during operations without adversary short-term immune-response. The

excellent precision and strength provided by 3DP PUs have been studied for con-

structing customized surgical guides with high precision and durabilities. Holzapfel et

al. printed a pelvis based on reconstructed model from CT scanning on a patient with

periacetabular tumor. The printed structure closely imitated the modified scanning

model. During the operation, the guides were capable to withstand the operation

with no adversary e�ects on the bodies [51].

Other than surgical guides, 3DP PUs have also been used in dental applications

such as aligners to correct malocclusion. One of the commercially available products,

Invisalign TM consist a series of computer generated custom aligner molds to mobilize

the teeth into proper alignment subsequently. It has generated commercial success

since introduction in 1999. The combination of PUs and 3DP can bring in similar

products in other biomedical fields in the future.

1.4 Conclusion

The development in PU synthesis and manufacturing has enabled production

of materials with better performance and bio-compatibilities. Recent development in

3DP has enabled fabrication of models with high customization and dynamic proper-

ties. Using PUs for 3DP has yield some early success for biomedical applications. For

example, TPUs and derivatives have been printed as implants for various applications

via FDM. The discovery in water-borne PUs further expand the production of elastic

and compliant sca�olds with cells. Furthermore, light-based printing technologies such
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as SLA and DLP have enabled more rapid prototyping with even higher resolutions.

Combining the excellent properties of PUs with novel 3DP technologies, we would

expect more breakthroughs in fabrication of devices for biomedical applications.
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Chapter 2

Continuous 3D Printing of Green

Aliphatic Polyurethanes
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2.1 Introduction

Replacing hazardous substances and preventing their use are major challenges

facing the twenty-first century in terms of human health and environmental impact.

Biocompatible and non-toxic materials have played an increasingly prominent role in

the manufacturing of biomedical devices and progress of tissue engineering. Addition-

ally, the roles of these materials in promoting tissue formation can potentially open a

new frontier in the fast-growing field of regenerative medicine. The advancement of

polymer technology continues to create polymeric biomaterials that could fulfill the

needs in medical research and clinical operations [52]. Naturally originated polymers

such as polysaccharides (alginate, chitosan, starch, cellulose), proteins (collagen, silk,

fibroin) and their derivatives are frequently employed due to their biocompatibil-

ity [53]. However, natural polymers often do not match well with the physical and

mechanical properties of the tissues and organs [54]. Recently, synthetic polymers

such as polyethylene glycol, polyvinylalcohol and polyglicolic acid have been widely

investigated due to their flexibility and tunability of chemical compositions as well

as mechanical properties. Despite of superior control of mechanical properties as

compared to natural polymers, most of these polymers still su�er inadequate strength

and durability.

As a synthetic polymer, polyurethane (PU) is an attractive candidate for

medical device applications due to their excellent mechanical strength, flexibility,

hydrophobicity and biocompatibility [55]. In recent years, biomedical PUs have

been developed and incorporated in a variety of biomedical devices [54, 56–59].

However, most PUs are produced by a reaction of polyols and isocyanates, which
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are commonly derived from a reaction of amine with highly toxic phosgene [60,61].

Other than phosgene, isocyanate itself has been reported as one of the primary causes

of occupational asthma worldwide due to its volatility [60,62]. These toxic residual

compounds, although minuscule in amount, are likely to leak from the products

during their lifespan of operation [60–64]. Especially, aromatic isocyanates can be

converted into aromatic diamines as the residual or degradation products of PUs,

which are toxic and potential carcinogenic and mutagenic to humans [61, 64]. To

reduce such toxicity, PU networks from an amino acid, lysine-based polyisocyanates

was prepared to prevent toxicity of degradation products, and underwent controlled

biodegradation to non-cytotoxic decomposition productsin vitro [55, 65]. However,

these materials were still synthesized from polyisocyantes obtained by phosgenation

of amine-terminated lysine esters, and the unreacted toxic polyisocyantes could still

remain in the polymer materials.

Thus, there has been increasing attention and societal pressure to find an

alternative to produce isocyanate-free PUs, and non-toxic alternatives to their existing

polymers, especially where toxicity to humans is a concern, such as in medical-,

foods- and children products [63,66,67]. One way of getting around these toxic raw

materials is to produce the polymers by ring-opening polymerization (ROP) of cyclic

carbonates with polyamines, which have attracted attention in recent years as an

alternative process for the production of PUs through phosgene- and isocyanate-

free route [63,67–69]. Six-membered cyclic carbonates are thermodynamically more

suitable precursors for the ROP process [63,69,70], especially those with functional

groups that can be used to impart di�erent properties to the polymer. We have
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recently reported the synthesis of six-membered functional cyclic carbonates as a green

process [71,72]. Cyclic carbonates have been used to make sca�olds as biomaterials,

but focused on mostly polycarbonate-based materials [73,74]. Meanwhile, urethane

bonds can be formed by ring opening reaction of cyclic carbonates with amines.

Especially biogenic aliphatic amines such as putrescine, cadaverine, spermidine and

spermine, which are normally formed by the decarboxylation of amino acids as part

of the normal metabolism of microorganisms, plants and animals, are considered as

harmless alternatives because of their biogenic origin and continuous excretion by

the body�s metabolisms [75–77].

In terms of applications for 3D printing, there have been attempts to utilize

PU as a building material for various research needs. Recently, Park et al. used

PU-acrylate to fabricate conformal phase masks, which provided the PU elastic

modulus of a conformal mold made from a prepolymer, trimethylolpropane ethoxy-

lated (15) triacrylate (TMP(EO)15TA), an acrylate aliphatic urethane oligomer [78].

The bio-printing process of neural stem cell-laden constructs was performed using

the thermos-responsive PU hydrogel as the printing ink by a self-designed fused

deposition manufacturing platform [79]. However, these methods were a type of

stamp lithography and thermal inkjet printing using isocyanate-based oligomer and

PU, which lacks resolution and precision. To date, the direct optical 3D-printing of

PUs with high resolution has not been reported due to the lack of photo-reactive

functional groups in the monomers.

In this study, we report the first-time continuous optical 3D printing using

green aliphatic polyurethanes (gPUs). Photo-sensitive diurethane monomers are
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prepared from six-membered cyclic carbonate functionalized with methacrylate and

biogenic amines. The synthesized monomers are then polymerized to isocyanate-free

gPU by UV crosslinking using a continuous optical printing (COP) method. 3D

structures with user-defined mechanical properties and biologically relevant structures

are printed in mere seconds with a high throughput and resolution by COP. The

physical properties of gPU structures are characterized on the transparency, sti�ness,

and thermal behavior. Finally, the biocompatibility of the gPUs was studied by

seeding cells on top of the structures.

2.2 Experimental Section

2.2.1 Material Preparation

Monomethacrylated trimethylolpropane cyclic carbonate, and bio-based cadav-

erine and putresine were kindly provided by Cyclicor AB (Sweden) and CJ Biotech

(South Korea), respectively. Spermine and spermidine were purchased from Sigma-

Aldrich. All chemicals were used without further treatment. The photoinitiator

(lithium phenyl-2,4,6-trimethylbenzoylphosphinate (LAP)) was synthesized according

to previous work [80]. Diurethanes functionalized with methacrylate were prepared

from reaction of TMPMAC with diamine compounds such as putrescine, cadaverine,

spermidine and spermine, respectively. For instance, 1 mmol TMPMAC was mixed,

and reacted with 0.5 mmol cadaverine in 1.5 mL vial at 70oC for 10 min without

catalyst and solvent. An ethanol and deionized water solution of 3:1 (v/v) ratio was

prepared and dissolved the photoinitiator (LAP) to make a photoinitiator solution of
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2% (w/v).

2.2.2 Polymerization and 3D-Printing

The resulting diurethane monomers were dissolved in 1:3 ratio into the pho-

toinitiator solution for polymerization. The 3D gradient and functional patterns were

designed in Adobe Photoshop and converted into grey-scale images. The gradient

pattern was then processed through in-house software into an assembly of 10 strip

patterns adjacent to each other. The UV exposure duration of each strip pattern was

increased from one end to the other, following the grey-scale intensity of each stripe

across the pattern. The diurethane solution was injected into a PDMS compartment

covered by a glass coverslip, which was chemically modified by 3-(trimethoxysilyl)-

propyl methacrylate. The gradient structure was fabricated by continuously sending

the images of strip pattern to the DMD chip as virtual optical masks to be projected

onto the monomer solution. The 3D structure was fabricated following a similar

continuous process while changing the projection position within the compartment.

The fabricated structure was then washed with 70% ethanol solution to remove the

unreacted monomers.

2.2.3 FT-IR Characterization

The reactions of thermal ring opening with polyamines and subsequent photo-

polymerization were monitored based on transformation of functional groups such as

hydroxyl, carbonyl, and alkene by FT-IR. The spectra of samples were obtained in

region of 500-4000 cm-1 using a Spectrum Two spectrometer (Perkin Elmer). An air
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Figure 2.1: FT-IR spectrum for the preparation process of isocyanate-free
polyurethane (gPU-1).(A) TMPMAC. (B) Diurethane prepared from TMPMAC and
putrescine by thermal reaction. (C)Polyurethane (gPU-1) crosslinked on methacrylate
from diurethane by UV-induced polymerization for 30 seconds.

background spectrum was collected before the analysis of the sample, and subtracted

from each sample spectrum. The FT-IR spectrum of gPU-1, gPU-2 and gPU-3 are

shown in Figure 2.1,2.2 and 2.3.

DSC Characterization

Di�erential scanning calorimeter (DSC) was then carried out using a DSC Q20

(TA Instrument) DSC12E over a temperature range of -10 200 oC with increasing 10
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Figure 2.2: FT-IR spectrum for the preparation process of isocyanate-free
polyurethane (gPU-2).(A) TMPMAC. (B) Diurethane prepared from TMPMAC and
cadaverine by thermal reaction. (C)Polyurethane (gPU-2) crosslinked on methacrylate
from diurethane by UV-induced polymerization for 30 seconds.
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Figure 2.3: FT-IR spectrum for the preparation process of isocyanate-free
polyurethane (gPU-3).(A) TMPMAC. (B) Diurethane prepared from TMPMAC and
spermidine by thermal reaction. (C)Polyurethane (gPU-2) crosslinked on methacry-
late from diurethane by UV-induced polymerization for 30 seconds.
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oC /min under nitrogen.

2.2.4 UV-Vis Characterization

Optical absorbance was measured from 350 nm to 1000 nm using a UV-Vis

spectrophotometer (Infinite � 200 Pro, Tecan, Männedorf, Schweiz). To prepare gPU

samples, diurethane solutions were prepared from reaction of TMPMAC with diamine

compounds such as putrescine, cadaverine, spermidine and spermine, respectively,

according to above preparation methods. Resulting solutions were placed in a PDMS

compartment, and covered with another PDMS compartment. The height between

the two plats was held constant at 500 µm. The gPU structures were then prepared

by UV polymerization using a portable UV lamp at 350 nm. Resulting gPU sca�olds

were placed in a 48-well polystyrene plate, and analysed by UV-Vis spectrophotometer.

Blank was used as a control.

2.2.5 Sti�ness Characterization

The sti�ness of the PU samples was measured by atomic force microscopy

(AFM; Dimension Icon, Bruker) as described previously [81]. Briefly, a cone shaped

probe, 0.12 N m-1 spring constant with a half angle of 35 (DNP-S, Vecco) was used

to indent every strip of the substrates with a gradient of sti�ness. The indentation

velocity of the probe was fixed at 2 µ m/s, with a trigger force of 2 nN. The force

volume maps were determined by Sneddon model with a Poisson ratio of 0.5 [82].

High-resolution scanning electron microscopy (SEM) images were obtained using

Philips XL30 ESEM. The surface of the structure was coated by a thin layer of
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iridium by Emitech K575X Sputter Coater prior to imaging.

2.2.6 Cell Culture

C3H/10T1/2 cells (mouse fibroblast cell line) were maintained in Dulbeccos

Modified Eagle Medium (DMEM, Gibco Life Technologies)) supplemented with 10%

v/v FBS (fetal bovine serum, Life Technologies,), 1 % penicillin/streptomycin solution

(Penstrep) (Gibco Life Technologies).

2.2.7 Cell Viability Assay

10T1/2 cells were obtained at passage 4, used at passage 5-8. The gPUs were

printed into round shapes with a diameter of 2.5 mm and was put into a 24-well

culture plate, immersed in PBS with 1% Penstrep two days prior to seeding. The cells

were seeded onto the gPUs with a density of 100k cells in 1 mL growth media per well.

After 3 days and 7 days of culturing, the samples were washed thoroughly with PBS

and a solution of calcein AM and ethidium homodimer-1 (EthD-1) (Biotium) in PBS

was added to the sample according to the manufacturers protocol. The samples were

incubated 30 minutes at room temperature on an orbital shaker and cell viability was

assessed by fluorescence microscopy. Cells seeded on the gPUs were scanned and the

cells were counted using ImageJ.
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2.3 Results and Discussion

2.3.1 Preparation and fabrication of biocompatible green

aliphatic polyurethanes

The gPUs were prepared from a cyclic carbonate, tri-methylolpropane methacry-

late carbonate (TMPMAC), and polyamines. The overall reaction consists of: A)

thermal formation of diurethane monomers and B) UV-induced cross-linking polymer-

ization (Fig 2.4). The cyclic carbonate reacted with biogenic polyamines to produce

functional diurethane monomers by ROP reaction. The resulting functionalized

diurethanes, which are unique monomers and linkers, were polymerized by free radical

polymerization of the methacrylate group to form corresponding cross-linked gPUs.

These reactions were accomplished by only heating and light as a green process under

mild condition without using isocyanate and phosgene, as shown in Scheme 1. Four

di�erent polyamines - putrescine and cadaverine (diamine), spermidine (triamine) and

spermine (tetra amine) were chosen to investigate the e�ects of di�erences in chemical

structure on the properties of the resulting PUs, which were referred as gPU-1, 2, 3

and 4 respectively. The polyamines di�er in their linear backbone structure such as

chain length and number of amine groups in the molecules. These materials are nor-

mally formed by the decarboxylation of amino acids as part of the normal metabolism

of microorganisms, plants and animals. They are also present in a wide range of

foods, including dairy products, and fermented foods, and can accumulate in high

concentrations (e.g. > 1000 mg per kilogram of cheese) [75–77]. In the second step,

the resulting functionalized diurethane monomers were further polymerized by free
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radical polymerization of the methacrylate group to form corresponding cross-linked

PUs by 3D printing.

The reactants, products and reactions between cyclic carbonates and polyamines

were monitored by the transformation of functional groups using Fourier transform

infrared spectroscopy (FT-IR) (Fig 2.5). In the first step of producing functional

diurethane from the ROP process, a peak at 1752 cm-1 of carbonyl group disappeared

and merged with a carbonyl peak (1713 cm-1) of methacrylate group, while a new

broad peak is attributed to new hydroxyl group (3000-3500 cm-1) resulted by ring

opening (Fig. 1C). This reaction was quantitatively carried out and completed

without solvent and catalyst in 10 min. During the second step where functional

diurethane monomers are polymerized by free radical polymerization, a peak at 942

cm-1, which is C-H bond of mono-substituted alkene in methacrylate group (Fig 2.5

C), disappeared as new C-C bond formation by UV polymerization (Fig 2.5 D).

This process provides a novel, facile, and more environmentally friendly approach for

synthesis of aliphatic PUs without using hazard raw materials.

2.3.2 Optical and thermal properties of photopolymerized

biogenic green aliphatic polyurethanes

Optical properties and transparency of resulting 4 gPUs were characterized

by UV-Vis spectrometer (Fig 2.6 A). Within the range of measurement (350 nm

to 1000 nm), the absorbance of all 4 compositions stays below 26% compared with

control (blank). The absorbance of gPU-1 is slightly higher than that of the other

three gPUs. Rapid drop of absorbance is observed at longer wavelengths (below 5%
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Figure 2.4: Schematic view of Green Chemistry and Optical Printing Process and
Synthesis Pathway of Reactions (A) Thermal ring-opening reaction of TMPMAC
with biogenic polyamines to diurethane monomers functionalized with methacrylate.
(B) UV- induced polymerization of the diurethane monomers on the methacrylate
group to polyurethanes.
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Figure 2.5: Representative FT-IR spectrum for polyurethanes with di�erent prepara-
tion processes: (A) TMPMAC, (B) spermine, (C) diurethane prepared from TMPMAC
and spermine by thermal reaction, (D) polyurethane cross-linked on methacrylate from
diurethane by UV curing for 20 s, and (E) polyurethane cross-linked on methacrylate
from diurethane by UV curing for 30 s.

38



from 550 nm to 1000 nm) for all gPUs. The result indicates that all four gPUs show

good optical transparency. The absorbance for gPU-1,2 and 3 reached below 10%

, while gPU-1 was about 20% at 365 nm, which is the wavelength of the UV light

for 3D printing. Low absorbance at this wavelength will ensure the excitation of the

photoinitiator used. The high transparency and low absorbance of gPU materials

indicated that these biogenic gPUs could be directly printed into complex shapes

using stereolithography based 3D printing system without optical hindrance of already

printed structures blocking the optical pathways.

To further study the internal structure and thermal properties of our gPUs,

the printed structures were analyzed by DSC to evaluate their crystallinity and

glass transition temperature (Tg). The lack of any abrupt changes in energy flow

in both heating and cooling conditions demonstrates the gPUs lack of crystallinity

(Fig 2.6 B) . Additionally, DSC also showed that the gPUs did not undergo thermal

decomposition or oxidation even at temperatures as high as 200 �C. This thermal

stability at high temperatures allows gPU to undergo autoclave sterilization, which

is a commonly used technique for prepping bio-medical implants and other in vivo

interactions. Future work will include other thermal property characterizations, such

as thermal expansion and thermal transition coe�cient.

To demonstrate the printability of the gPU materials, the COP 3D printing

system (Fig 2.7) employs a digital micro-mirror array device (DMD) and projection

optics to project patterned UV light onto the diurethane monomer. Via a computer

interface coupled with in-house developed software, those optical patterns are auto-

matically and continuously loaded one-by-one onto the DMD chip. Areas illuminated
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Figure 2.6: (A) Optical transparency of resulting polyurethanes measured by a UVvis
spectrophotometer, and (B) thermal properties measured by DSC. Polyurethanes
prepared from TMPMAC and putrescine (gPU-1), cadaverine (gPU-2), spermidine
(gPU-3), and spermine (gPU-4).
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by UV light crosslink immediately, while leaving the dark regions uncrosslinked,

forming an image in a specific polymerization plane. This process is dynamically

repeated through a series of user-defined digital masks while the stage is translated to

construct the 3D device precisely. Since this platform prints the 2D images without

scanning in both x and y directions, and creates the 3D object continuously in the Z

direction, the printing speed of COP is much faster than a traditional nozzle-based

3D printer. Due to the continuous movement of the stage the fabricated 3D structures

do not exhibit the planar artifacts (interfaces) induced by traditional layer-by-layer

fabrication approaches that involve discrete movement of the linear stage to a new

height position. These existing 3D printing approaches produce structures with

step-like artifacts along the Z direction due to the drop-by-drop and layer-by-layer

fabrication process. The scanning-less and continuous nature of the COP platform

will not yield such artificial interfaces and therefore will produce a whole 3D structure

with a smooth contour, significantly improving the structural integrity of the printed

structure. This printing platform could not only create complex polymer sca�olds,

but also cell-laden constructs [81, 83–85] for both in vitro and in vivo applications

such as early drug screening, tissue regeneration and wound healing. Previous work

has demonstrated the speed, precision and versatility of similar fabrication processes

on other biomaterials such as poly(ethylene glycol) di-acrylate (PEGDA) and gelatin

methacrylate (GelMa) [30,31,53]. However, these biomaterials do not have the high

durability and sti�ness for applications such as lab-on-a-chip devices and medical

implants. Combining the 3D printing system with the newly developed gPU, we

could potentially solve these challenges. The thermal behavior of gPUs with di�erent
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polyamines was measured by repeated DSC cycles, and showed similar behavior, which

was almost featureless within experimental temperature range due to crosslinking of

the methacrylate group upon UV polymerization (Fig 2.4).
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Figure 2.7: Schematic of the Continuous Optical Printing (COP) System. UV
light (365 nm) illuminates the DMD system, which generates an optical pattern
according to the 3D image flow from the control computer. A 3D sca�old is printed
in a layer-by-layer fashion onto the photocurable monomer by the optical pattern
projected through an optical lens.
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2.3.3 Tunable mechanical properties of gPU via printing

The relation between the printing parameters, such as exposure time, and

surface sti�ness of printed structures was investigated. Surface sti�ness plays an

important role in biomedical research [86]. To investigate how to tune the mechanical

property of printed structure, we used the equation developed by Askadskii et al. to

describe the elastic modulus of polymer and its number of repeating units by the

following equation [87,88]:

En =
3dRT (m+ �)

M0m2

Where d is the polymer density; R is the universal gas constant; T is the

temperature for which the modulus was calculated; M0 is the molecular mass of the

repeat unit of the linear network fragment; m is the number of the repeat units in

a linear fragment between neighboring crosslinks; � is the ratio between van der

Waals volume of the crosslink over that of the repeated unit. In the case of linear

polymerization, � equals to zero.

Previously Decker et. al. has computed the relation between the kinetic

chain length during polymerization and UV exposure time. Briefly, the kinetic chain

length (KCL) was then calculated by dividing the rate of polymerization by the

rate of initiation, which is a function of both the monomer concentration and the

quantum yield. The quantum yield of the polymerization is essentially a function of

the exposure time, as shown in the following equation [88].

Rate of polymerization Rp =
kp

(2kt)
0.5 [M ] r0.5

i
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Rate of initiation ri = �i · Ia

Kinetic chain length KCL = Rp

ri
= kp[M ]�0.5

i

(2kt)
0.5

I0.5a

Quantum yield �i =
[M ]⇥l

f⇥1000⇥te⇥Ia

Where [M ] is the concentration of urethane monomer; kp is propagation rate;

kt is termination rate; Ia is the light intensity absorbed; l is the thickness of the

printed structure; f is the fraction on incident light absorbed by the sample; te is the

exposure time. The number of repeat units in a linear fragment between neighboring

crosslinks is a linear function of kinetic chain length of the polymerization. Therefore,

two equations could be combined to yield the following equation:

En = A · d (2kt)
0.5 t0.5

e

M0kp [M ]1.5

For polyurethane made by the same reactants, the polymer density, molecular

weight of the repeating unit, the reaction kinetics and the monomer concentration

are the same. The equation could be further reduced into a square root function of

exposure time. Based on the equation, we predicted that the sti�ness of the printed

structure increases with the raise of exposure time. To prove this relation, we printed

a structure using the COP system (Fig 2.7). The structure is made up by a series of

stripes with increasing exposure time, as shown in Fig 2.8 A. Here, a shape with

increasing greyscale intensity was first designed in Adobe Photoshop. This image

file was further processed by an in-house software to divide it into 10 strip patterns

according to grey scale intensities as shown in Fig 2.8 B. Each strip pattern was

associated with a specific exposure time, running from 12 seconds to 30 seconds with
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increment of 2 seconds per strip. During the printing, the entire block was initially

projected onto the monomer solution, followed by disappearance of strip pattern from

one end to another until all disappeared (Fig 2.8 A). A structure with increasing

exposure time was obtained and imaged by SEM (Fig 2.8 C). The sti�ness of each

strip was measured by atomic force microscopy (AFM) after soaking in ethanol and

then air-dried for testing. The results, as shown in Fig 2.8 D follow a square root

function of the exposure times, as expected. The structures and the number of amine

in the polyamine linkers also a�ect the sti�ness of the polymer created as indicated

by the AFM data. Between gPU-1 and gPU-2, which were prepared from diamines

of straight 4-carbones (putrescine) and 5-carbones (cadaverine), respectively, the

higher sti�ness gPU was prepared from shorter compounds due to the lower chain

flexibility. However, gPU-3 and gPU-4 prepared from tri-amine (spermidine) and

tetra-amine (spermine) having longer chain length provided higher sti�ness, and this

behavior could be explained by partial participation of secondary amines inside the

chain in the formation of diurethane. Additionally, since the decreasing number of

repeating units between crosslinks has a higher impact on the resultant elasticity, it

can compensate the increase of molecular weight of the monomer. The sti�ness was

tunable by controlling the exposure time and selecting di�erent polyamine compounds.

These tunable and gradient patterns can be used for the study of cell motion and

di�erentiation.
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Figure 2.8: Optical printing of gradient pattern using gPUs by the COP system. (A)
Progressive printing of strips based on the program of exposure time. (B) Designed
pattern for gradient printing. (C) SEM image of printed pattern (scale bar 500 µm).
(D) Sti�ness of printed sca�olds prepared from di�erent gPUs
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2.3.4 Structures featuring curves and complex contours by

3D-printing

Curves and complex contours on the surface are essential in 3D printing of

biology relevant and intrinsic structures. To demonstrate rapid 3D printing with the

gPUs using the COP system, a complex gradient design was created and processed

into a series of transverse planes according to the greyscale of each pixel, as shown

in Fig 2.9 A. These planes were projected onto the monomer solution. During

the printing process, the stage constantly changes in the z-direction to position

the focal plane at di�erent locations within the monomer solution (Fig 2.9 B and

C). Only the monomer exposed at the focal plane will be polymerized to form

the patterns as projected. When the stage moves to a slightly higher location, a

di�erent pattern is formed and is chemically reacted with the pattern at the previous

location. Hence a structure with complex surface contour could be fabricated through

a series of planetary patterns stacking on top of each other. Fig 2.9 D and E

demonstrated a complex structure which resembled the surface outline of a sharkskin.

The sharkskin has unique properties for hydrodynamics, antifouling and repelling of

bacteria [89]. However, fabricating such biomimetic architecture has been challenging.

We demonstrated that the convoluted sharkskin structure with smooth surface contour

could be printed by the COP system, and a biomimetic double-bump surface pattern

was generated within 30 seconds.

Furthermore, other structures such as logpile, gear, bone and squid were 3D-

printed using gPU (Fig 2.9 G, H and I), which are well known for their applications

in soft robotics, microfluidics and biomedical researches [89]. The superior mechanical
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Figure 2.9: Optical printing of intricate structures using gPUs by the COP system.
(A) Schematic process showing software-aided 3D reconstruction from grayscale
patterns. (B) Layer-by-layer printing procedure of 3D structure guided by computer.
(C) SEM image of printed pattern (gPU-4). (D)
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and optical properties make the gPUs an excellent material for printing structures

with high fidelity and complexity. The printed structure and smooth curves as shown

in the SEM images have demonstrated the printability of the materials and process

with high resolution within seconds.

2.3.5 Biocompatibility of gPU materials

As a green chemistry process with replacing hazardous ingredients, the overall

reaction does not include any cytotoxic materials and the product is potentially

toxic-free. Additionally, the similarity between urethane functional groups and amino

acids in terms of chemical structures further provokes a question whether this material

could be used for coating-free biomaterials. To further explore the potential of using

gPU for biomedical research, we investigated the cyto-compatibility of C3H 10T1/2

cells seeded directly on the printed structures (Fig 2.10). This type of fibroblast cell is

widely used as a model cell in many biology studies, especially toxicity screening and

tissues engineering [90]. The gPU was printed into round shapes with diameters of

2.5 mm and was put into a 24-well culture plate, immersed in PBS with 1% Penicillin

Streptomycin two days prior to seeding. The 10T1/2 cells were obtained at passage

4, used at passage 5-8 and maintained in DMEM growth media with 10% FBS. The

cells were seeded onto the structures at a density of 100k cells in 1 mL growth media

per well. After 3 days and 7 days of incubation, the cell viabilities were measured

using calcein AM and ethidium homo-dimer assay according to the manufacturer’s

instructions. High cell viability (over 95% ) for each material was obtained (Fig 2.10).

Both the morphology and high viability of the cells suggested that the gPUs are
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viable choice for biomedical applications.
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Figure 2.10: Immunostaining to examine cell viability after seeded on (A) gPU-4
at day 3, (B) gPU-4 at day 7, (C) culture plate (control) at day 3, and (D) at day
7. Cells seeded on all 4 gPUs have more than 95% cell viability after 3 and 7 days
postseeding. Scale bar = 200 µm.
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2.4 Conclusion

In conclusion, continuous optical 3D printing of a novel photopolymerizable

isocyanate-free PU was reported for the first time. Rapid printing of smooth gradient

and 3D structures has been demonstrated. The mechanical and optical properties of

printed materials were characterized. The technology can be used to tailor-make novel

gPU materials with specific properties and fabrication process from various functional

cyclic carbonates and polyamines. Such printable isocyanate-free gPU materials

could fulfill the demands to critical safety issues required in biomedical and consumer

products applications. 3D-printed gPU devices could have broader applications such

as mechanically strong and durable medical implants, tissue engineering sca�olds,

micro-fluidic devices, diagnostic probes, and lab-on-a-chip systems.
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Chapter 3

3D Printing Hydrogels for

Biomedical Applications
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3.1 3D Printing Hydrogels for In Vitro Regener-

ation of Retina

3.1.1 Introduction

The retina is a complex light sensitive tissue that collects light before trans-

mitting the information to brain for realizing the visual environment [91]. In human

retinas, cells of specific functions are embedded in extra cellular matrix (ECM)

following a multi-layered configuration [92]. These ECMs have specific chemical com-

positions and physical properties that could a�ect the functionality of cells residing in

them. In human retina, the ECM consists mainly of hyaluronic acid (HA), which is a

negatively charged polysaccharide [93]. Photoreceptor cells (PRs), which reside across

the intermediate layers of retina, are responsible for light detection. Their degener-

ation could lead to the onset of blindness in numerous diseases, including retinitis

pigmentosa and age-related macular degeneration (AMD) [94]. Regenerating healthy

PRs in the eye is a promising strategy to treat these diseases. However, culturing of

isolated PRs in vitro still remains challenging [95]. Unlike the whole retina, which can

be maintained in culture for several days, the PRs undergo morphological changes

and profound apoptosis in isolated culturing without the support of ECM and other

cell types [96]. The few surviving cells lose their outer segments and downregulate

the expression of visual cycle proteins [91]. Therefore, there is a growing need to

develop a viable strategy to specifically culture PRs in vitro with ECM for biological

studies such as drug screening, cell intervention and integration, and disease modeling.

Furthermore, the discovery of a suitable ECM material for PRs culturing could help
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to study their maturation and realizing repair by implantation in the future.

Residing adjacent to the PRs in a similar ECM, retinal pigment epithelium

(RPE) is a highly specialized cell with pigmented microvilli [97]. Research has

shown the importance of RPE in nutrient transport, growth factor production, and

phagocytosis of photoceptors [98]. Although quiescent under physiological condition

in the eyes, the RPE cells will start to proliferate in response to traumatic injuries

in retina [99]. Previous works have reported sequential development of both RPE

and PRs from fetal retinal progenitor cells (fRPCs) [100]. This study has shown

that the RPEs assembled a bilayer structure with the neural retina, which matured

into PRs at an early stage of development. These findings inspired a strategy to

regenerate damaged PRs with the support of RPEs. To realize this strategy, we

aim to encapsulate cells with ECMs closely related to native retina and localize

individual cell type following the same arrangement as the native retina. Our recent

development in 3D bioprinting can construct di�erent tissues through polymerization

of cell-containing ECMs [30]. Unlike conventional planar maturation strategies, 3D

bioprinting could create mechanical and geometrical cues that closely resemble the cell

niche [1,12]. In previous works, we have demonstrated 3D bioprinting of hepatic and

vascular system to regenerate functional tissues from embryonic stem cells [30,101].

The rapid and cell compatible printing process enabled us to create complex 3D

structures while maintaining the viability of cells.

Recently, di�erent strategies have been used to develop PRs from human

pluripotent stem cells [102]. For example, Lorber et al.demonstrated 3D printing of

retinal and glial cells as a retina model while Hunt et al investigated the e�ect of
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sti�ness on retinal di�erentiation [103,104]. Their results indicated that the di�eren-

tiation was mostly enhanced in ECMs that mimic the sti�ness of the native retina.

While these studies have shown the e�orts of maturing PRs in vitro, recapitulating

surrounding environments of the cells such as sti�ness and cell hierarchy during

di�erentiation still remain challenging [103]. Mitrousis et al. reported the use of

HA in encapsulation of retinal stem cells (RSCs) to improve PR growth [91]. As

an abundantly present polysaccharide in the subretinal space, HA is responsible

for sequestration and presentation of biomolecules to PRs. It has been reported

to facilitate PR maturation by upregulation of the mTOR pathway in RSCs [91].

While native HA does not form a physically stable gel with cells, several chemical

modification methods have been reported to functionalize the HA with methacrylation

by glycidyl-hydroxyl reaction, resulting in a photopolymerizable hydrogel (HA-GM)

that can be 3D printed with our reported printing techniques [105].

In this work, we present a strategy to synthesize HA-GMs with di�erent

degrees of methacrylation (DM) by altering molar ratios of initial reagents. Their

physical properties such as swelling ratio and compressive modulus are measured and

analyzed. Furthermore, we have constructed a multi-layered tissue model using 3D

bioprinting to resemble the native retina structure. The fetal retinal progenitor cells

(fRPCs) were co-di�erentiated with RPEs to improve their di�erentiation.
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3.1.2 Experimental

Materials Synthesis

HA-GMs were synthesized following protocols reported previously [30]. Briefly,

1 g of hyaluronic acid (Lifecore Biomedical, MN) was added into 100 ml of 50:50

acetone:water solution. The solution was mixed overnight before adding triethylamine

and equal amount of glycidyl methacrylate with a designated molar ratio. The

reaction was continued for 24 hours before dialysis over distilled water for 24 hours.

The resulting solution was dried by lyophilization (Labconco) over 5 days before

rehydrated to make a hydrogel solution. 10 mg of the dried hydrogel was dissolved in

1 mL of deuterium oxide completely and examined by 1H-NMR (ECA 500, JEOL

USA).

To improve cell binding of HA-GM, we introduced long chain Arg-Gly-Asp-

Ser (RGDS) peptide (American Peptides) into the hydrogel. The polypeptide was

synthesized by EDC-NHS synthesis with polyethylene glycol following previously

reported protocols [106]. PEG-RGDS was mixed with HA-GM hydrogel in 2 mM/mL

concentration [107]. The photoinitiator, lithium phenyl-2,4,6 trimethylbenzoylphophi-

nite (LAP) was synthesized following previously published protocols [30]. Briefly,

dimethyl phenylphosphonite was mixed with equal amount of 2,4,6-trimethylbenzoyl

chloride overnight. The reaction was conducted over 18 hours under inert gas before

heated to 50 °C. Lithium bromide was mixed with 2-butanone and added into the

solution slowly over ten minutes before cooled to room temperature over four hours.

The precipitates were filtered and washed with 2-butanone before dried by vacuum.
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Physical and Mechanical Properties Assessment

To analyze the microstructure of the HA-GMs by scanning electron microscopy

(SEM), the printed HA-GM hydrogels were dried over a series of ethanol/water

solutions with an increasing ethanol concentration. The hydrogels were further dried

by hexamethyldisilazane. After completely removal of any solvents, the samples were

sputtered with iridium for 7 seconds and then imaged with SEM (Zeiss Sigma 500).

The SEM images were used to evaluate the average pore sizes and interconnections

between pores.

To analyze the physical properties such as swelling ratio of the HA-GMs

with di�erent degrees of methacrylation (DMs), the hydrogels were printed into

cylindrical shape with the same dimensions, exposure duration and light intensity.

The samples were then incubated in saline solution at 37 C for 1 day, 3 days and

7 days before being tested. Images were taken to evaluate the swelling ratio of the

hydrogels. The porosities of the hydrogels were calculated by swelling factors and

polymer volumes. The mechanical properties of HA-GM hydrogels were evaluated

by compression test using MicroSquisher (CellScale) at 10% strain and 2 µ m/s

strain rates. The instrument collected the force and displacement data, which were

further analyzed using an in-house software to calculate the compressive modulus.

The diameter and height changes of each hydrogel were measured by a microscope

over 7 days to analyze the volumetric swelling ratio of each sample.
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RPEs Encapsulation

RPEs were purchased from ATCC and cultured according to manufacturers

guide. The RPE cells were cultured to passage 7 before digested to mix with HA-GMs

with 500k/mL concentration in the final cell-gel mixture. The mixture was printed

and continuously cultured over the course of 10 days. Ethidium homodimer and

calcein AM were used to analyze the viability of RPEs encapsulated in di�erent

HA-GMs. The viability of RPE cells were calculated as the ratio of number of live

cells over total number of cells.

Multilayered Structure Printing

To build a layer-by-layer structure with hydrogel-cell matrix, we developed a

rapid 3D printing process to consecutively construct each layer (Fig. 3.1). Briefly,

a light source of 365 nm wavelength (Omnicure S2000, Waltham, MA) was used to

provide the UV light for photo-polymerization. Structures were designed by Solid

Works �, which were then converted to digital mask patterns and transferred to the

digital-mirror array device (DMD) chip by in-house software. The DMD chip was

used as an optical mask for projecting patterns onto the solution containing hydrogel,

cell, and photoinitiator. Once the light passes through the lenses, it is collimated

to form a precise image on the solution, where polymerization occurs to form the

structure. The RPEs mixed with HMHA-GM for the first layer was loaded on the

reservoir of the stage, which moves in all three directions guided by the computer.

After printing of the first pattern, the solution was washed away while the printed

structure remained. The RPCs with HMHA-GM for the second layer was then loaded
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Figure 3.1: Schematic of printing multilayered retina structures

on top of the first layer, followed by lowering the stage. After the second layer is

printed, the multi-layer structure was rinsed and put in culture for further analysis.

Co-di�erentiation of fRPCs

Human fetal retinal progenitor cells (fRPCs) were harvested from 20-24 weeks

old fetus and maintained with growth medium (Ultra CULTURE serum-free medium,

10 ng/ml EGF, 20 ng/ml bFGF, 2mM L-Glutamine and 50ug/ml gentamin). The

fRPCs were di�erentiated into PR cells following methods reported in a previous

publication [108]. Briefly, after reaching 50% confluency, fRPCs were switched into

PR di�erentiation medium (DMEM/F12: Neurobasal medium 1:1, N2, B27, 0.05%

BSA Fraction V; 2 mM Glutamax, 50 nM docosahexaenoic acid and supplemented

with 1 µ M IWP2, 10 µ M DAPT, 100 nM purmorphamine, 100 nM retinoic acid, 100

µ M Taurin, 10 ng/ml bFGF) for two weeks. The cells were mixed with HMHA-GM

at 500k/mL concentration in the final cell-gel mixture for printing.
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3.1.3 Results and Discussions

Methacrylation of HA-GM

The physical properties such as sti�ness of the hydrogels is closely related to

the degree of crosslinking, which is a�ected by the number of methacrylate groups

attached to the polymer backbone. This number can be quantified as degree of

methacrylation (DM), which is calculated by the ratio between the methacrylate

groups and remaining methyl groups. By altering the initial molar ratio of the reagents,

the ring-opening reaction of the epoxide functional group would occur to di�erent

extend, resulting in products of various DMs. Three di�erent molar ratios were used

to create low-methacrylated hyaluronic acid (LMHA-GM), medium-methacrylated

hyaluronic acid (MMHA-GM) and high-methacrylated hyaluronic acid (HMHA-GM).

The hydrogels were examined by 1H-NMR to evaluate their DMs, as shown in Fig. 3.2.

The presence of the methacrylate group peaks at 5.6 and 6.0 ppm confirmed the

methacrylation, as compared to hyaluronic acid in Supplement Figure 1 d. The DMs

were calculated by dividing the integration of peaks from the methacrylate group over

that of the remaining methyl groups in hyaluronic acid at 1.7, 1.8 and 1.9 ppm [105].

The results are shown in Table 3.1 The LMHA-GM has a DM of 33.8% , which agrees

with the values in previously reports [109].

Physical Properties of HA-GM

The DMs of HA-GMs indicate the amount of functional groups for crosslinking

among polymer chains. Physically, the degree of crosslinking will a�ect the water

distribution within the hydrogel, which can be revealed from the pore sizes of the
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Table 3.1: Degree of methacrylation of HA-GM synthesized by di�erent glycidyl
methacrylate to hyaluronic acid ratios

Figure 3.2: 1H NMR of a) HMHA-GM, b)MMHA-GM, c)LMHA-GM, d)HA
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Figure 3.3: Hydrogel characterization: SEM images of dried (a) LMHA-GM, (b)
MMHA-GM, and (c) HMHA-GM. (d) The pore size of each HA-GM material indicated
that with a higher DM, the resulting photocured HA-GM will have smaller pore sizes.
(e) Compressive modulus and (f) swelling ratio of di�erent HA-GMs after curing.
Both results show that HMHA-GM has better matched physical properties to use as
the ECM to build a multi-layered retina model in vitro. Scale bar of SEM images =
100 µ m

hydrogel after removing the water. To examine how the DMs a�ect the microscopic

porous structures of the hydrogels, we compared SEM images of fully cured HA-GM

hydrogels after drying. Theoretically, the hydrogels with higher DM will result in

structures with smaller and less interconnected pores. As shown in Fig. 3.3 a), b)

and c), with the lowest number of DM, the LMHA-GM forms the largest connected

pores whereas MMHA-GM has much smaller and isolated pores. The HMHA-GM

with the highest DM yielded the smallest pores. The pore sizes of each HA-GM were

calculated as shown in Fig. 3.3 1d.
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The DMs of hydrogels will a�ect not only the pore sizes of the hydrogel, but

also the physical properties of the gels, such as the swelling ratio. Less crosslinking

sites will constitute to lower degree of crosslinking, hence less restrain on the hydrogel

under osmotic pressure to swell after crosslinking. The ability of maintaining the

structural integrity against swelling is crucial for bilayer construct since it will a�ect

the cell-cell distance and signal transduction within the cell-hydrogel matrix. The

less extend of swelling will essentially result in a closer packed matrix for cells to

interact. With the least restrains, the LMHA-GM swells the most and eventually

lose the shape after 5 days of incubation at 37 C due to the lack of crosslinking

sites to withstand the osmotic pressure. MMHA-GM has more crosslinking sites,

hence it swells less than the LMHA-GM. With the highest degree of crosslinking, the

HMHA-GM has the strongest ability to withhold the osmotic pressure, hence swells

the least, as shown in Figure 1e. The porosities of hydrogels were calculated by the

ratio between the volume of pores over the volume of the hydrogel. Due to the high

swelling ratio of the HA-GMs, there is no significant di�erence in porosities of all

hydrogels since majority of the hydrogel volume is filled by pores containing water.

Furthermore, the compressive modulus of the hydrogel is closely related to

the DMs of hydrogels. The higher degree of crosslinking, the more tangling of

polymer chains, resulting in sti�er gels under compression. Previous studies have

demonstrated that the cell-hydrogel matrix should have the sti�ness comparable

to native retina, which is about 10-20 kPa, for the survival and development of in

vitroretina [110, 111]. The compressive modulus of each type of HA-GM hydrogel

were measured and demonstrated in Figure 1f. With the highest DM, the HMHA-GM
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Figure 3.4: Viability assay of RPEs encapsulated in MMHA-GM and HMHA-GM.
The results shown that RPEs had the highest viabilities in HMHA-GM, which has
sti�ness close to native retina. Scale bar = 100 µ m.

has the compressive modulus that is comparable to the native retina.

Hydrogel Biocompatibility

To optimize the material composition for cell encapsulation, we investigated

viability of RPEs in each HA-GM at di�erent time periods (1 day, 3 days, 10 days).

RGDs polypeptide motif was mixed with the hydrogels to improve the cell a�nity. For

LMHA-GM, the presence of cells did not alter the restrain against osmosis pressure

within the matrix, hence it dissolved after 5 days of incubation. The cell viability in

the remaining samples were analyzed using calcein AM and Ethidium Homodimer

(L/D) assay following manufacturers instruction. The results are shown in Fig. 3.4.

RPEs in both remaining HA-GMs show high viability above 70% . Given its low

swelling ratio and similar compressive modulus to native retina, the HMHA-GM was

selected for the tissue construct.
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Multilayer Printing

To create a structure for maturation of PRs from fRPCs [112], we designed a

construct to recapitulate the hierarchy of native retina, as shown in Fig. 3.5. Following

the structure of native retinas, the base layer was designed with a thickness of 125 µ

m to resemble the epithelium tissue. The top layer was 250 µ m tall to give room

for the neurons to grow [113]. To validate the print, we created a sample where the

bottom layer consists HMHA-GM hydrogel mixed with fluorescein isothiocyanate

(FITC) dextran and a top layer mixed with tetramethylrhodamine isothiocyanate

(TRITC) dextran. These dextran molecules would illustrate the printed structure

due to their di�erent fluoresce colors. The confocal image of the structure is shown

in Fig. 3.5 (c). This image demonstrated a bi-layer construct with distinct separation

of the two layers.

Di�erentiation of fRPCs

In cell-hydrogel matrix, the microenvironment around the cells might a�ect

their maturation. To investigate how the HA-GM will a�ect the maturation process,

we used previously reported di�erentiation protocols on the fRPCs embedded in

HA-GM [108]. The fRPCs were mixed with the HMHA-GM and printed in circular

shapes. The fRPC-HMHA-GMs were placed in a cell culture incubator with dish and

cultured with PR di�erentiation medium. During the two-week di�erentiation, small

molecules and growth factors (IWP2, DAPT, purmorphamine, retinoid acid, taurin

and bFGF) were able to penetrate the sca�old and induce cell reprogramming of

fRPCs. As a result, the fRPCs have shown significant morphology change and turn
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Figure 3.5: Bilayer printing of fluorescent labelled hydrogels: (a) Top view and
(b) side view of structural design from SolidWorks®(c) Confocal fluorescent images
showing bilayer construct. The printed structure recapitulated the structural design,
indicating ability to construct multi-layered structure. Scale bar = 500 µ m.

into typical cone-, rod-like photoreceptor morphology, as shown in Fig. 3.6 a. We used

immunostaining of recoverine, a signature protein in the PRs, to verify maturation.

The presence of recoverine in Supplement Figure 2b confirmed the maturation of

PRs, indicating successful di�erentiation of fRPC. This strategy has proven that the

HA-GM would not alter the di�erentiation process of fRPCs. We then moved on

to include the support from RPEs in the system by printing the bi-layer structure

adjacent to the fRPCs.

Bi-layer Construct for PR Maturation

Results from previous tests indicated that HMHA-GM can be used for printing

while supporting cell functions and di�erentiation. We then printed a bi-layer structure
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Figure 3.6: Di�erentiation of fRPCs

using the HMHA-GM with fRPCs and RPEs following guidance from native retina

structure [113]. As shown in Supplement Figure 3, the RPEs were encapsulated

into HMHA-GM and printed at the bottom layer with the thickness of 125 µ m.

A second layer of HMHA-GM and fRPCs matrix were printed on top of the RPE

layer. This design was also expected to introduce a gradient of nutrition and growth

factor di�usion from the bottom RPE layer to the fRPC layer, which could guide the

orientation of the cells to di�erentiate into the highly ordered retinal cells including

PRs, ganglion cells, and bipolar cells.

To maintain the stability of the cells during di�erentiation, we modified

the di�erentiation media by adding SU5402 and IWP2 to inhibit FGF and Wnt

pathway. These modifications have been proven to have a positive e�ect during

di�erentiation [10]. With the adapted protocol, we observed PR maturation at day 14.

As shown in Fig. 3.7 (a), immunostaining of PR specific marker arrestin-3 indicated

signature morphology of mature neurons [114]. The expansion of the outer segment

demonstrated development of rod PRs. To further characterize the di�erentiation of
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Figure 3.7: Characterization of co-di�erentiation: (a) Immunostaining of cone PR
specific protein arrestin-3 at day 14. (b) Western blot and (c) qPCR quantification
of neuron-specific protein indicating PR maturation.

fRPCs, we used western blot to examine the protein expression in the matrix. As

shown in Fig. 3.7 b, the protein profile indicated abundance of both rhodopsin and

M-opsin proteins after co-culturing for 14 days, which pinpointed the formation of

both rod and cone PRs. Furthermore, we conducted real-time qPCR to verify the

neuron formation. As shown in Fig. 3.7 c, the increase in presence of key neuron

specific proteins such as Brn3, MATH5 and ISL-1 confirmed the maturation of PRs

using the bi-layer construct.

Conclusions

In this work, we have demonstrated chemical synthesis of HA-GMs with

di�erent degrees of methacrylation. These HA-GMs exhibit distinctive physical

properties such as pore sizes and compressive modulus. We further assessed viabilities
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of cells encapsulated in these hydrogels and found that the cells have better survival

in hydrogels with mechanical properties close to native retina. Furthermore, we have

demonstrated bioprinting of a bi-layer structure with cell-hydrogel matrix. After

studying the expression of key proteins, we concluded that our co-culture system could

recapitulate the native retinal development environment and enhance the maturation

of PRs.

71



3.2 Controlled Growth Factor Release from 3D

Printed Hydrogels

3.2.1 Introduction

Growth factors (GFs) regulate proliferation and di�erentiation of cells in order

to promote tissue regeneration [115, 116]. GF turnover is rapid in vivo, resulting

in very short serum half-lives. In order to better stimulate tissue regeneration,

tissue engineering strategies often seek to control the release of GFs [117]. Owing

to their controllable degradability and capability to protect enveloped molecules

from degradation, hydrogels are often employed to regulate GF release [118, 119].

Hydrogels are cross-linked hydrophilic polymers in which water is the dispersion

medium. The high water content, typically 70% to 99% , supports encapsulation of

hydrophilic molecules such as GFs, without denaturation and aggregation [117]. Their

network structures are also believed to hamper penetration of various proteins, thus

preventing premature degradation of encapsulated bioactive molecules from di�using

enzymes [120]. The rich water content also provides physical environments similar to

native tissue, thus providing an intimate environment for cells to reside and grow.

However, due to high water content, GFs tend to di�use out quickly from hydrogels

since there are no natural moieties where they can attach.

Heparin is a natural linear polysaccharide that is most noted for its anticoag-

ulation e�ects. It consists of an alternating sequence of disaccharide units with 14

linked 2-O-sulfated iduronic acid and 6-O-sulfated, N-sulfated glucosamine. These

building blocks contribute three sulfate moieties per repeating unit, making heparin
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the highest negative charge density of any known biological molecule [121]. Due to its

high negative charge density, heparin can trap positively charged common proteins,

such as GFs, by electrostatic forces, which can be used to delay GF release from

hydrogel [122–125]. Previous studies have discovered that the kinetics of GF release

can be modulated by varying the molecular weight and concentration of heparin in

the hydrogel; increased heparin molecular weight and increased heparin concentration

results in protracted GF release. This is likely due to a higher electrostatic retention

force, which keeps GFs from exiting the hydrogels [126]. However, the low molecu-

lar weights of heparin (5-15 kDa) and the repulsion of negative charges limit their

crosslinkability. Additional modifications such as acrylation and thiolation also reduce

heparins solubility in water to form a stable hydrogel. Thus, most heparin-based

systems require another component to create a matrix for modified heparins to reside

in [123,126]. Hyaluronic acid (HA) is a hydrogel which has been widely engineered for

applications such as wound healing and atopic dermatitis due to its role in granulation

and cell migration [94,127,128]. Previous studies have shown that the synthesis of

glycidyl methacrylate HA (HA-GM) allows HA to be compatible with light-based

3D printing, as well as provides a mechanism to tune physical properties of the

hydrogel [129]. The combination of HA and heparin further allows for the ability to

modify GF release kinetics over extended periods of time from hydrogels [130].

To better engineer the hydrogel-based GF delivery system, there is a need to

theoretically model drug release profiles from hydrogels. Mathematical models of

mass transport in traditional polymeric controlled drug delivery systems have been

developed, which allow for the accurate prediction and design of drug release kinetics,
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accelerating drug development [131]. While the e�ect of physical shape on the drug

release kinetics of conventional dosage forms (i.e. capsules) has been extensively

investigated, the influence of hydrogel shape on long term GF release kinetics remain

to be quantified [132]. Fundamental studies of the di�usion of proteins in hydrogels

have provided some insights on their basic mechanisms. However, due to the lack of

control over the shape of hydrogels during fabrication, the role of spatial arrangement

within the hydrogels on release kinetics is largely unknown [133,134].

Recent developments in light-based 3D printing allow for the precise control

of hydrogel geometry. As one of the most advanced additive manufacturing methods,

digital light projection (DLP) based 3D printing techniques has become pivotal in

the rapid fabrication of customized hydrogel systems due to its speed and precision

[55, 101, 135, 136]. DLP-based 3D printing uses a light modulating device, such as

a digital micro-mirror device (DMD), to reflect light in user-defined patterns onto

a photosensitive resin. This printing technique has been used to fabricate hydrogel

structures with tissue informed, complex geometry, as well as incorporate biomaterials

such as GFs and cells directly into the sca�old structure [137, 138]. The fast printing

speed (typically within 1 min) is also crucial in printing GF-containing hydrogels where

release occurs rapidly [124]. Furthermore, DLP-based 3D printing can be used to print

functional biomaterials which have been modified to support photopolymerization -

such as thiolated heparin (Hep-SH) - in order to tune the hydrogel properties like

GF retention [122,139,140]. Therefore, as the influence of hydrogel geometry on GF

release kinetics is unknown, the goal of this study is to investigate how geometry

influences GF release kinetics in a hydrogel. Hep-SH is synthesized and combined
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Figure 3.8: Schematic of Synthesis and Polymerization. Thiolated heparin (Hep-SH)
was synthesized and mixed with glycidyl methacrylated hyaluronic acid (HA-GM)
and growth factors (GFs), followed by 3D printing into a stable hydrogel

with HA-GM and GFs, followed by 3D printing into various geometries (Fig. !3.8).

We hypothesized that a barrier layer of HA-GM + Hep-SH could prolong GF release

and this bi-layer capsule structure could additionally be used for the sequential release

of multiple GFs. The GF release profile is analyzed, and a mathematical model of

the release kinetics of each 3D hydrogel design is developed in order to understand

the role of geometry on GF release kinetics.

3.2.2 Experimental

Materials

HA with a molecular weight of 200 kDa was purchased from Lifecore Biomedi-

cal (Chaska, MN). 1-ethyl-3-[3-(dimethylamino)propyl] carbodiimide (EDC). Sodium

chloride, Ellmans test kit and Pierce Bicichoninic Acid (BCA) kit were purchased

from Thermo Fisher Scientific (Waltham, MA). 1-hydroxybenzotriazole (HOBt) was

purchased from Tokyo Chemical Industries America (Portland, OR). Hydrochloric

acid (HCl) cystamine, L-cycstine, tris(2-carboxyethyl) phosphine (TCEP) Glycidyl

methacrylate (GM) Dimethyl phenylphosphonite, 2,4,6-trimethylbenzoyl chloride,

75



lithium bromide, 2-butanone, fluorescein isothiocyanate-dextran (FITC-dextran),

tetramethylrhodamine isothiocyanate-dextran (TRITC-dextran) deuterium oxide

(D2O) and triethylamine (TEA) were purchased from Millipore Sigma (St. Louis,

MO). Heparin was purchased from Celsus Laboratory (Cincinnati OH). Dialysis shells

(10,000 MWCO) were purchased from Spectrum Laboratories (Rancho Dominguez,

CA). All chemicals were used as received. 1X Dulbeccos phosphate bu�ered saline

(DPBS) was purchased from Gibconco (Carlsbad, CA). Rat-vascular endothelial

growth factor (VEGF) and Rat-platelet derived growth factor (PDGF) were purchased

from R& D Systems (Minneapolis, MN). The respective ELISA kits were purchased

from RayBiotech Life (Norcross, GA). Bovine serum albumin (BSA) was purchased

from Gemini Bio-products (Woodlands, CA). Sodium hydroxide (NaOH) was pur-

chased from Spectrum Chemical (Gardena, CA). Polydimethylsiloxane (PDMS) sheets

with defined thickness were purchased from Specialty Manufacturing, Inc. (Saginaw,

MI).

Synthesis of Hep-SH

Hep-SH was synthesized by adapting a previous protocol [130]. 200 mg of

heparin was dissolved into 40 mL of MilliQ water and reacted with 91.04 mg of EDC

and 65.05 mg HOBt. The pH was adjusted to 6.8 before 78.06 mg of cystamine

was added. The pH of the reaction solution was readjusted to 6.8 and left at room

temperature for reaction over 5 hours. The reaction solution was then dialyzed

against DI water for 24 hours before lyophilization. The lyophilized powder was

then dissolved in 40 mL of water before 966.7 mg of TCEP was added. The pH of
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the solution was re-adjusted to 7.5. The neutralization was continued for 1 hour in

room temperature. The final product was dialyzed against 5M NaCl solution with

pH adjusted to 5 by HCl for 24 hours before changing into the solution of the same

pH without the salt. The final product was then lyophilized and stored in -20 C

before use. The reagent and product were examined by Fourier transform infrared

spectroscopy (FT-IR, PerkinElmer, Waltham, MA) and nuclear magnetic resonance

(NMR, Bruker, Billerica, MA) to confirm the substitution. The degree of substitution

was determined by Ellman’s test.

Synthesis of HA-GM and photoinitiator

HA-GM was synthesized following a previously reported method [129]. Briefly,

HA was dissolved in acetone/water solution with 1:1 volume ratio. After the HA

powder fully dissolved, an equal amount of TEA and GM was added drop-wisely. The

reaction continued for 24 hours before dialysis against distilled water. HA-GM foam

was obtained after lyophilization, which was re-dissolved into DPBS at predetermined

concentrations for printing.

The photoinitiator was synthesized by a previously reported protocol [89].

Dimethyl phenylphosphonate was mixed with 2,4,6-trimethylbenzoyl chloride under

argon for 18 hour before heated to 50 °C. Lithium bromide was mixed with 2-butanone

and added into the reaction solution drop-wisely. The reaction was cooled to room

temperature while precipitates were collected and dried.
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3D Printing of Hep-SH with HA-GM

To investigate the e�ects of Hep-SH and spatial designs on the release of GFs,

we printed the hydrogels into cylindrical shapes with core-shell features using our

DLP-based 3D printing system [17]. The main components of the DLP-based 3D

printing system are an ultra-violet (UV) light source (Ominicure 2000, Waltham,

MA), and DMD chip (Texas Instruments, Dallas, TX). The DMD chip consists

of 4 millions of micromirrors, which can be individually controlled using a binary,

user-defined image. To print a structure, UV light is projected onto the DMD chip,

which can in turn project light in a user defined pattern onto a reservoir containing

a photopolymerizable hydrogel (Fig. 3.9 A). The prepolymer solution consisted

of 1% w/v Hep-SH, 4% w/v HA-GM and photoinitiator in DPBS. To test their

respective release kinetics, 200 mg of BSA, 0.1 mg of PDGF, and 0.01 mg of VEGF

were dissolved in 1 mL of the hydrogel solution. During the 3D printing process, the

hydrogel solutions were loaded into the reservoir between methacrylated glass slides

as reported previously [30]. During printing, the hydrogel structures were covalently

bonded to the glass surface to prevent di�usion in the z-direction. The glass slides

were separated by a 1mm tall polydimethylsiloxane (PDMS) sheet. After printing,

the PDMS sheets were removed and UV glue was applied and cured at the four

corners of the glass sides to prevent deformation of the hydrogel structure during post

printing handling. The structure, together with the glass slides, were then immersed

into DPBS reservoir to test the release kinetics (Fig 3.9 B). The overall printing

process took less than 1 minute.

subsubsectionPrinted Structure Designs
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Figure 3.9: (A) Schematic of the DLP-based 3D printing process. The bilayer
core-shell structure was fabricated by two digital masks. The first hydrogel was
printed into a cylindrical shape and the remaining unprinted hydrogel was rinsed.
Then the second hydrogel was printed into a ring shape around the core. (B) The
printed hydrogel structures were immersed into DPBS solution to study GF release
kinetics.

Several variations of hydrogel composition and geometric shape were system-

atically tested (outlined in Table 3.2). Each design was printed with FITC and

TRITC-dextran containing hydrogels to demonstrate the final structure. First, in

order to validate the ability of heparin to prolong GF release, HA-GM and HA-GM

+ Hep-SH hydrogels were mixed with BSA and printed into a single cylindrical core

(Fig. 3.10 A). To further prolong GF release, a bilayer cylindrical core-shell structure,

where a BSA containing HA-GM + Hep-SH hydrogel was surrounded by a BSA free

HA-GM + Hep-SH hydrogel shell was evaluated (Fig. 3.10 B). To further evaluate

the e�ect of geometric design on the release profile, the thickness of the outer shell of

the cylindrical core-shell structures was varied from 0.25 mm to 1 mm (Fig. 3.10 C).

Finally, in order to determine whether the release kinematics of multiple GFs could be
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Table 3.2: Geometry and Composition of Printed Structures

simultaneously controlled by the spatial order, VEGF and PDGF were encapsulated

at either core or shell regions.

Drug Release From Hydrogels

GF release properties of hydrogel structures were assessed every day for 28

days in sealed containment with 1 mL of DPBS. Every 24 hours, 20 µ L aliquots

of DPBS were removed from the DPBS reservoir for analysis, and 20µ L of fresh

DPBS was replaced in order to maintain the same volume of fluid in the solution. For

each GF release profile, data points from four structures in separate DPBS reservoirs

were collected. At the end of 28 days, the concentration of the GFs in each aliquot

was determined by Pierce BCA essay for BSA release and ELISA for VEGF and

PDGF releases. UV-Vis spectrophotometer (Infinite 200 Pro, Tecan, Mannedorf,

Switzerland) was used to examine the absorbance and fluorescence of each data

point and compared to the standard curves to determine the concentration. These

concentration values were then adjusted by the dilution factors from prior removals

of DPBS to determine the release profile.
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Figure 3.10: Design for 3D printing and structural validation with FITC (green)
and TRITC-dextran (red) containing hydrogels. (A) Cylindrical core-only structures,
(B) Cylindrical core-shell structures. (C) Core-shell structures with varied outer shell
thickness. Scale bar = 200 µm
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Mathematical Model

In order to understand the release of GFs from the hydrogel systems, we

derived a mathematical model based on the Fick’s 2nd Law:

@c

@t
= D @

2
c

@x2 (1)

Where c denotes the concentration of the GFs within the hydrogel system,

D is the di�usion coe�cient of the GF, t and x are time and position respectively.

Since both caps of the cylindrical structure were covalently bonded to the coverslips,

the GF can only di�use out of the hydrogel radially. As hydrogel swelling reaches

equilibrium after the first day under incubation, the e�ect of the geometric change

and water penetration over time was considered fixed. Also, the initial distribution

of GFs within the hydrogel was considered homogeneous at the beginning of the

experiment, therefore the initial conditions were defined as:

At t = 0, c = ci, -R x R (2)

Where ci is the initial GF concentration and R is the equilibrium radius of

the cylinder after swelling. The aqueous solution is well stirred, contains a volume

much greater than the volume of the printed structure, and was therefore considered

a perfect sink. Thus, the concentration of GFs at far away was assumed to be

zero. No accumulation of GFs is considered at the surface of the film. Therefore,

the rate at which the GFs di�use to the hydrogel/solution boundary through the

shell was equivalent to the rate at which GFs were depleted from the hydrogel.

This is proportional to the concentration gradient between the surface cs and the
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concentration required to maintain equilibrium with the surrounding environment

c1. Therefore, this boundary condition can be represented mathematically as:

At t>0, �D · |@C
@x
|x=±R = h (cs � c1) (3)

Where h is the mass transfer coe�cient in the shell. Using Laplace transform

[132], equation 1 can be solved as:

For the cylindrical structure: Mt
M1

= 1 � exp
�
� 2Dt

R2H

�
(4)

For the cylindrical core-shell structure: Mt
M1

= 1 � exp
�
�ADKt

V�R

�
(5)

Where Mt and M 1 are the cumulative amounts of GF released at time t and

equilibrium respectively. They are results from concentration items (c s) and (c1)

from equation 3 transformed over time. A represents the total surface area of the

hydrogel, D denotes the di�usion coe�cient of GF in the hydrogel. H is the height

of the cylinder. The partition coe�cient K is a measure of relative concentration

between the interface shell and the solution at equilibrium condition. It is related to

the initial GF concentration and shell thickness. V represents the volume of the drug

containing hydrogel, R is the radius of the cylinder and R represent the thickness of

the shell.

Statistics

To compare the di�erence in the drug release profile over time between the

HA-GM and HA-GM + Hep-SH hydrogels, a two-way repeated measures analysis

of variance (ANOVA) (levels: time, Hep-SH +/-) with a post hoc Sidak test was

used. To compare the di�erence in the drug release profile over time between the
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core only and cylindrical core-shell structures, a two-way ANOVA (levels: time, shell

+/-) with a post hoc Sidak test was used. The study of shell thickness on retention

e�ect was conducted by a two-way ANOVA (levels: time, shell thickness) with a post

hoc Sidak test with shell thickness of 0.5 mm as a control. The sequential release

of multiple GFs by alternating spatial orders of multiple GFs was investigated by a

two-way ANOVA with post hoc Sidak test (levels: time, spatial order). The threshold

for significance (↵ ) was set to 0.05 for all analyses. All statistics were performed

using Prism (Version 7.0a, La Jolla, CA). All data are reported as mean +/- standard

deviation.

In order to model the GF release profile, experimental data was fit to equations

4 and 5 respectively in MatLab (Mathworks, Natick MA). Initially, the di�usion

coe�cient (D) was obtained by fitting the curve to the core only structure. Then, the

partition coe�cient (K) was obtained using the shell-core design with a radius of 0.5

mm. From the fit D and K values, additional models were generated for the expected

GF release profiles of models with varying shell layer thickness. The coe�cient of

determination (R2) was calculated between experimental data and the corresponding

mathematical model in order to determine the amount of variance explained by the

model.

3.2.3 Results and Discussion

Synthesis and UV crosslinking Confirmation from FT-IR and NMR

To confirm the substitution of the thiol group on heparin, we conducted

Ellmans test on the heparin solution, before and after the reaction. The assay results
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indicated 33% substitution of the carboxylic group by the thiol group, similar to

previous studies [122,141]. The reaction to form Hep-SH substitutes less than half

of the sulfate groups, leaving the majority of the negative charges untouched. The

substitution was further confirmed by comparing the FT-IR and 1H-NMR of the

product and native heparin. The broad absorption peak over 1600 cm-1 indicated the

substitution by the secondary amine from cystamine (Fig. 3.11). The heparin and

Hep-SH were dissolved in D2O and examined by NMR. The chemical shift at 2.6 and

2.85 ppm also confirmed the substitution of thiol group in the Hep-SH. To further

confirm the thiol-ene reaction, we mixed Hep-SH with PEGDA and photoinitiator.

After UV exposure, the reduction of the absorption peak of alkene around 900

cm-1confirmed the thiol-ene reaction of heparin.

Delayed Release of GFs from HA-GM+Hep-SH Hydrogels

Previous studies have demonstrated synthesis and polymerization of protein

retention hydrogels between Hep-SH and HA-GM [126]. The large pore sizes of HA

provide space for encapsulated GFs to di�use out of the hydrogels without obstruction.

Thus, it provides an ideal platform to test the drug retention e�ect due to the addition

of heparin. To assess the retention e�ect of HA-GM, BSA was added to HA-GM

and printed into cylindrical structures. Their release pattern was studied by Pierce

BCA assay. The initial concentration gradient of GFs between the HA-GM hydrogel

and the DPBS solution act to drive BCA out of the hydrogel so that equilibrium

is reached. Without any e�ective retaining agents, the release profile follows zero

order pulsatile release, with more than 70% of BSA di�used out of the hydrogel after
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Figure 3.11: Synthesis and characterization of Hep-SH containing hydrogel. (A)
Chemical synthesis process (B)FT-IR showing thiolation of heparin at 1600 cm-1

absorption and reduction of acrylate group at 900 cm-1 (C) 1 H-NMR of native heparin
and thiolated heparin (Hep-SH)
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Figure 3.12: Release kinetic of various structures with di�erent composition and
shell thickness (A) Release profile of HA-GM only vs HA-GM with Hep-SH core-only
vs core-shell structure, (B) Release profile of core-shell structures with di�erent shell
thickness.

day 1 (Fig. 3.12 A). The initial burst di�usion of GFs quickly depletes the reservoir

of GFs in the hydrogel, thus reducing the chemical potential. The di�usion of BCA

out of the HA-GM hydrogel plateaued after 15 days, reaching a local concentration

equilibrium after 20 days where 95% of the initial amount of BCA had been released

from the hydrogel.

To evaluate the GF retention e�ect of heparin, we incorporated Hep-SH into

the BSA containing HA-GM hydrogel and printed into the same cylindrical structure.

The incorporation of Hep-SH into the HA-GM hydrogel was found to significantly

decrease the amount of BSA released (p<0.0001). A post hoc analysis showed a

significant decrease in the amount of GF retained at all time points (p<0.0001). The

release profile of BSA from the Hep-SH + HA-GM hydrogel indicated that less than

10% of BSA had di�used out of the hydrogel on the first day, much less than the 70%

BSA di�usion in the HA-GM only hydrogel (Fig. 3.12 A). This is likely due to the
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increased electrostatic forces attributed to the sulfate groups in heparin. After 28

days, the Hep-SH + HA-GM hydrogel retained 44% of BSA, compared to 4% of the

initial BSA in the HA-GM only hydrogel. This experiment confirms that HA-GM

itself has poor retention of GFs, but the addition of Hep-SH drastically improves

drug retention.

E�ect of a GF Laden Core with HA-GM+Hep-SH shell on GF Release

In vivo, the systematic release of GFs is integral to restoring native tissue

function after injury. The ability to tailor the release of various GFs in a tissue

engineered system allows for a more physiologically relevant replication of the natural

cascade of GFs after injury. The DLP-based 3D printing system in this study

has previously been used to fabricate HA-GM hydrogels into complex structures

[30, 31, 129]. In this study, a similar approach was used to fabricate a complex

structure, consisting of two layers: 1) a cylindrical HA-GM + Hep-SH core with BSA,

and 2) a HA-GM + Hep-SH shell with no GF incorporated. We hypothesized that

the core-shell design would further inhibit GF release, through the addition of a GF

retention boundary with no initial concentration of GF.

BSA release in core-only, and core-shell capsules were examined over the course

of 28 days (Fig. 3.12 A). The inclusion of the core layer resulted in a significant

decrease in the amount of BSA released at all time points after 8 days (p=0.036 -

p<0.0001) with the exception of day 15 where a trend was found (p=0.0534). This

confirms for the first time that the inclusion of an additional hydrogel layer, not

containing any GFs can result in prolonged GF release. For example at day 20, 49%
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of the BSA had di�used out of the core-only structure, compared to 39% of BSA that

had di�used out of the cylindrical core-shell structure. The experiments demonstrate

the GF release profile of a hydrogel can be easily modified by the inclusion of a

heparin containing shell, which serves to further slowdown di�usion of GFs out of a

hydrogel structure.

In order to further control GF release kinematics, the e�ect of varying the

thickness (R) of the outer shell was examined. Core-shell sca�olds were printed with a

shell size double (1mm) and half (0.25mm) of the original design (0.5mm). All release

profiles still follow 1st order release. Doubling the shell size resulted in a significantly

decreased amount of drug released at all time points after day 3 (p=0.0137 p<0.0001;

Fig. 3.12 B). At the conclusion of the experiment, only 37% of the BSA had di�used

out of the cylindrical core-shell structure with doubled shell thickness, compared to

51% of the BSA in the baseline design. Similarly, reducing the shell size resulted

in a significantly increased amount of drug released at all time points after day 14

(p=0.0009 � p<0.0001). At the end of the 4 weeks observation, 56% of the BSA

had di�used out of the cylindrical core-shell structure with halved thickness. Overall,

the change in shell thickness significantly altered the GF release (p<0.0001). These

observations indicate the release kinetics of a GF in a HA-GM + Hep-SH structure

can be further tuned by varying geometrical design, which is only possible to fabricate

with 3D printing.
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Modeling Drug Release Profiles to Predict Release Kinetics

Understanding the relationship between sca�old geometry and GF release

kinetics allows for precision engineered GF release platforms. In order to predict

drug release profiles from equations 4 and 5, we first had to measure the intrinsic

di�usion coe�cient (D) and partition coe�cient (K) of BSA in a HA-GM + Hep-SH

hydrogel. To estimate the intrinsic di�usion coe�cient, we initially fit the release

profile of BSA in a core-only hydrogel to equation 4. The di�usion coe�cient of BSA

in a HA-GM + Hep-SH hydrogel was found to be 0.0045 mm2/day with 96% of the

variance explained by the model. Then, using the measured di�usion coe�cient, the

partition coe�cient was obtained by fitting the release profile of BSA in a baseline

core-shell design to equation 5. The partition coe�cient of BSA in a HA-GM +

Hep-SH hydrogel was found to be 0.485 with 98% of the variance explained by the

model.

In order to evaluate how well the models predict BSA release in structures with

di�erent shell thicknesses, models with R = 1mm and R = 0.25mm were compared

to experimentally measured data (Fig. 3.13). Excellent agreement was found for the

model with R = 1mm, with the model explaining 96% of the variance. However, poor

agreement was found for the model with R = 0.25mm, with the model explaining

53% of the variance in the data. This may be due to a higher concentration gradient

across the shell of the thinner shell structures, resulting in a larger driving force and

less obstruction for BSA to di�use out of the structure. This will a�ect the relative

concentrations at equilibrium, which in turn would a�ect the partition coe�cient

(K ). With larger driving force and a shorter distance to travel before exiting into
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Figure 3.13: Evaluation of models predicting BSA release in structures with di�erent
designs and shell thicknesses. (A) HA-GM+Hep-SH core-only structure, (B) Baseline
core-shell structure with shell thickness = 0.5 mm, (C) Core-shell structure with shell
thickness = 1 mm, (D) Core-shell structure with shell thickness = 0.25 mm. Scale
bar = 200 µm.

the aqueous solution, the concentration of GF inside the hydrogel will be lower in

the sample with a thinner shell at equilibrium. Therefore, we hypothesize that the

partition coe�cient for the R = 0.25mm should be smaller than what was measured

in the R = 0.5mm model.

Sequential GF Release

In vivo, GFs are sequentially released in order to initialize cell di�erentiation

and tissue regeneration. For example, the sequential release of VEGF followed by
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PDGF has been shown to improve the regeneration of cardiomyocytes [35,36]. As the

DLP-based 3D printed system is capable of printing cylindrical core-shell structures

with spatial control to alter the release kinetics of GFs, we sought to simultaneously

release multiple GFs over an extended period of time. Additionally, we sought to

investigate how the spatial ordering of GFs within the cylindrical core-shell structure

a�ects the sequence and rate of GF release kinetics (Fig. 3.14 A). As a control,

VEGF and PDGF were mixed into a HA-GM + Hep-SH hydrogel, and printed into

a cylindrical structure and the release of each GF was examined by ELISA. The

release profile indicated that both GFs are released following 1st order pulsatile release

similar to BSA. Additionally, PDGF was found to di�use slightly faster than VEGF

(p=0.0115; Fig. 3.14 B).

In order to deliver the VEGF earlier than PDGF, we adapted a similar core-

shell approach by printing structures loaded with PDGF first in the core, followed by

the hydrogel loaded with VEGF. The release profile indicated that VEGF was released

faster than PDGF (p<0.0001) and reached 40% release almost three days before

PDGF reached the same level (Fig. 3.14 C). This data supports that the sequential

release of di�erent GFs from the same structure can be obtained by using the core-shell

design. To further explore the flexibility of cylindrical core-shell structure designs,

the spatial order of the GFs was reversed by printing a structure with VEGF at the

core and PDGF as shell to examine whether the system will work in the opposite

order. As anticipated, the release profile indicated that PDGF was released faster

than VEGF ( p <0.0001), reaching 40% released 5 days before VEGF (Fig. 3.14 D).

Additionally, the % of VEGF released decreased when printed into the core of the

92



Figure 3.14: Sequential release of VEGF and PDGF (A) Schematics of structural
designs (B) Release profile of nonhierarchical structure (C) Release profile of structure
with shell containing VEGF and core containing PDGF. (D) Release profile of
structure with reversed spatial order. (PDGF shell, VEGF core).
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structure as compared to the homogeneously mixed structure (p=0.0135), supporting

that the core-shell structure decreases GF release rate, even if there is another GF

within the shell layer. As PDGF was released faster in the homogeneously mixed

structure, it is unsurprising that the di�erence in the release rates of VEGF and

PDGF was greatest when PDGF was located in the shell of the structure. This

likely can be contributed to the higher native di�usion rate of PDGF in this hydrogel

system. Finally, both GFs had a significant decrease in release rate when printed

in the core of the structure compared to the shell respectively (VEGF p=0.0002;

PDGF p<0.0001). These observations further support that the core-shell design can

be utilized to modify not only GF release rates, but the sequence in which GFs are

predominantly released from a hydrogel.

Conclusion

This study demonstrates how geometry can be manipulated in order to influ-

ence GF release from a hydrogel structure for the first time. Heparin was incorporated

into a hydrogel to provide retention for GFs. A capsule-inspired, cylindrical core-shell

hydrogel structures were 3D printed to study the e�ect of spatial arrangement on

GF release kinetics. The DLP-based 3D printing system used in this study demon-

strated excellent speed and flexibility for rapid fabrication of precision engineered

multi-material structures. Furthermore, an initial di�usion model was evaluated

in order to predict GF release kinetics for di�erent structures. While the di�usion

model was ine�ective at predicting di�usion kinetics in structures with shell layers

approaching 0 mm thickness, the model had excellent agreement with experimental
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data in structures with a shell layer greater than or equal to 0.5 mm. The failure

of the model to predict release kinetics in structures with a smaller shell thickness

may be the result from the change in geometric design, which will a�ect the relative

concentration of GFs across the shell at equilibrium which in turn a�ects the partition

coe�cient. Finally, the core-shell model was utilized to demonstrate the simultaneous

release of multiple growth factors, and how geometric design can be manipulated

in order to preferentially release di�erent growth factors in a particular sequence.

Nonetheless, a major limitation of this study is that hydrogel system still leaks out

GFs right after fabrication. Thus, on-demand delivery with a higher level of control

such as tailoring release starting time is still challenging. This is due to the high

water content in hydrogels providing a medium for payloads to di�use out. The

initial swelling of hydrogels may also contribute to this e�ect. Controlled release

with distinctive order might be only achieved by polymeric materials where close

packing of polymer chains keep the payloads within containment until degraded [37].

Future development of 3D printed hydrogels for GF release include varying shell and

core thickness to further control multi-GF release and varying heparin molecular

weight to increase or decrease drug release kinetics. This study has demonstrated how

geometry can be modified to control GF release profiles in 3D-printed hydrogels, with

the long-term goal of developing more advanced drug delivery systems to accurately

replicate the complex GF release cascade that occurs in vivo.
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Chapter 4

Rapid 3D Printing of Dual

Network by Elastomeric and

Bioabsorbable Polymer
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4.1 Introduction

Medical operations, such as volumetric repair and wound dressing, requires

elastic material that could withstand complex loading conditions and physical ma-

nipulation such as patching and suturing. In particular for in vivo operations, the

materials need to be bioabsorbable by the body to avoid complication from possible

immune response. As one of the best candidates meeting these two requirements,

poly (glycerol sebacate) (PGS) has demonstrated superior mechanical properties

and controllable bio-degradation due to their chemical structures. Their linear and

flexible backbone structures have permitted freedom for polymer chains to move

in the presence of external forces, making them easy to elongate before ruptures.

Additionally, the presence of ester hydroxyl groups made them permeable to enzymic

degradation into shorter chain carbohydrates such as glycerol, which are readily

absorbable by our body.

Inspired by natural spider webs and interpenetrating polymer networks, the

improved mechanical properties of structures with inter-connected hard and soft

segments has become of great research and engineering interest recently. In particular,

the double network hydrogel, developed by Suo et. al. contains two types of bonds.

The strong bonds link monomers in a chain, crosslink chains in the network, and

enable each chain to store high mechanical energy before rupture. While, the weak

bonds between chains enable each chain to dissipate all its mechanical energy when the

chain breaks. Such tough double network hydrogels show an excellent toughness and

flaw tolerance behavior. By combining the elasticity of soft segments and the strength

from the hard segments, the overall toughness of the structure can be improved.
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Particularly, the spider-web inspired network structures can potentially absorb the

same amount of energy from tensile force while having more voids for the overall

structures. This is particularly of interest for biomedical applications where open

space is crucial for vascularization and engineering degradation process. Suo and

his cooperators synthesized tough double network hydrogels. Inspired by the tough

double network hydrogels, we proposed the network structure composed by materials

with di�erent modulus by PGS.

However, building device from PGS has become a great challenge. Due to

their high viscosity and glass transition temperatures, processing PGS are limited

to molding and electrospinning into woven-like sheets. To adapt PGS with more

advanced manufacturing process, such as additive manufacturing, to make more

complex structures, researches have added functional groups, such as acrylate groups

into the polymer chain to use it in free-radical based photopolymerization and

subsequently light-based 3D printing (Fig. 4.1 A).

In recent work, Singh et. al used laser assisted printing system to build tubes

from acrylated PGS (PGSA). However, due to the lack control of light processing

techniques, the structures lack resolution and hardly applicable in biomedical ap-

plication. DLP-based 3D printing system has demonstrated rapid processing time

with dynamic control of light during printing. In previous publications we used it to

investigate the relationship between exposure time, degree of crosslinking, thus the

mechanical properties of polyurethane materials [17]. By assigning di�erent exposure

conditions at designed locations, we have printed structures with discrete sti�ness out

of the same material. This technique enabled printing of multi-component structures
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Figure 4.1: Photopolymerization of PGSA

with distinct mechanical properties with single material rather than multiple materi-

als, which simplified the process and shorten the fabrication time. It could also be

easily adapted in printing double-network structures by allocating di�erent exposure

conditions at hard and soft segments. In this work, we would like to investigate how

to modulate the mechanical properties of the PGS materials by crosslinker density

as well as printing conditions. Furthermore, we used both finite-element analysis

(FEA) and 3D printing to investigate the enhanced mechanical properties of double

network structures. The materials with di�erent crosslinker density and exposure

conditions, as well as the double network structures were printed and tested by

standard tensile tests to evaluate their mechanical properties. By combining the

strength from simulation and dynamic 3D printing, the toughening mechanism of

double network was revealed.
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4.2 Experimental

4.2.1 Materials

Triethylamine (TEA), Diphenyl (2,4,6-trimethylbenzoyl) phosphine oxide

(TPO), anhydrous dichloromethane (DCM), D-chloroform (CDCl3) polyethylene glycol

di-acrylate (PEGDA) with molecular weight of 700 Da and gelatin were purchased from

Millipore Sigma Aldrich, MO. Sebacic acid (SA), glycerol, 4-Dimethylaminopyridine

(DMAP), Ethyl Acetate (EA) were purchased from Fisher Scientific, NH. Acryloyl

chloride (AC) was purchased from Alfa Aesa, MA. For cell culture and viability

test, Dulbeccos Modified Eagle Medium (DMEM), fetal bovine serum (FBS) and

penicillin/strepotomycin (P/S) Calein AM were purchased from Thermo Fisher

Scientific, MA. Ethidium Homodimer was purchased from Biotium, CA.

4.2.2 PGS Synthesis

PGS was synthesized following a previously reported protocol with modifica-

tions (Fig. 4.1 B). All glassware were pre-dried by heat 24 hours prior to experiment.

SA and glycerol were mixed with 1:1 molar ratio and melted at 140 °C over 1 hour

under argon. The polycondensation was conducted at 120 °C in three-necked round

bottom glass flask with pressure reduced to 35 Pa. The reaction was continued for

15 hours while pressure was maintained at 35 Pa with active pumping. The final

product has conversion rate of 90% by calculating the weight di�erence before and

after the synthesis.
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4.2.3 PGSA Synthesis

The acrylation reaction was conducted from previously published method with

modifications (Fig. 4.1 B). All of the containers used in the reaction were dried in

heat oven at 55C prior to the experiment. 30 g of PGS were dissolved in 300 mL of

DCM followed by 30 mg of DMAP. The reagents were cooled to 0 °C under argon

for 10 minutes before 7 mL of TEA were added dropwise. 3.3 mL of AC was added

drop-wisely over period of 5 min. The reaction was continued in room temperature

for 24 hours. After the synthesis, DCM was removed by rotary evaporation at 40 °C

and the remining solution was dissolved in EA to precipitate the excess TEA. The

mixture was filtered, and the solute was collected, which was further dried by rotary

evaporation at 50 °C at 5 Pa. The final product was stored at -20 °C

4.2.4 1H NMR Characterization

1 H nuclear magnetic resonance (1H NMR) spectra of the PGS and PGSA

were measured (JEOL-500, Peabody , MA) and compared to confirm the chemical

structure of the final products. Chemical shifts were referenced relative to the peak

of CDCl3 at 7.26 ppm. The signal intensity of the methylene groups of sebacic acid

(1.3 ppm) and the average of the acrylate groups (5.85 ppm, 6.15 ppm and 6.4 ppm)

were used to calculate the degree of acrylation to be 40%.
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4.2.5 Mechanical Properties of PGSA/PEGDA resins

The PGSA/PEGDA resins were prepared by adding PEGDA as crosslinkers

with concentrations of 1% (LoResin), 5% (MeResin) and 10% (HiResin) respectively.

4% (w/w) of TPO was added in to the solution as photoinitiator. The materials

were printed into modified ASTM Type IV tensile bars with our 3D printer under

the same exposure intensity with di�erent durations (30s, 45s and 60s) respectively.

Tensile tests were conducted with Instron 5920 (Norwood, MA) following constant

strain rate of 0.5% /s. The tensile modules were determined by the tangent of the

stress/strain curve during elastic deformation. The ultimate tensile strength and

failure strain was obtained at the rupture points of the tensile test.

4.2.6 3D Printing of PGSA/PEGDA resins

The structures were printed by our continuous 3D printing system (Fig. 4.2

A). First, a 3D model was designed by Fushion 360 ®and processed by our in house

software into a series of images. The images were uploaded onto DMD chip and used

to pattern the projected lights onto the polymer reservoir. The HiResin were loaded

in the reservoir with PDMS coated bottom and the build platform was immersed

into the resin solution. During printing, the series of images were projected onto

the resin while the build platform raised up to allow structures to be printed on it

in a layer-by-layer fashion on top of previous layer. The oxygen inhibition from the

PDMS prohibits the crosslinking of the resin to the bottom layer. By changing the

optic modules, structures with 100-micron features as well as in decimeter sizes were

printed. The printed structure was removed from the build platform and washed using
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Figure 4.2: 3D Printing of PGSA/PEGDA Resin

IPA before further examination by optical microscopy camera and SEM (Fig. 4.2 B).

4.3 HUVEC Viability Test

Human umbilical vein cells (HUVEC) were purchased from ATCC � (Man-

assas, VA) and cultured in Endothelial Cell Growth Medium 2 (EGM-2) from Pro-

moCell ®, Heidelberg, Germany. The cells were harvested after 7-9 passages. The

PGSA/PEGDA composite was printed into disks with diameter of 4 mm followed by

coating with 2.5% gelatin solution for 30 minutes at 37 °C. The disks were washed

with PBS and immersed in growth media 1 day before seeding. At day 1, 3 and 7

post seeding, the disks were washed thoroughly with PBS and stained by calcein

AM (Invitrogen ®, Carlsbad, CA) and ethidium homodimer-1 (Biotium ®, Fremont,
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CA) per manufacturers protocol. The cell viability was assessed by pictures from

fluorescence microscopy (Leica DMI-6000, Wetzler, Germany) and ImageJ analysis.

4.4 Tensile test of network structures

The single network with exposure time of 30s and 60s, as well as double

network structures containing these two exposure conditions as soft and hard segments

respectively were printed with HiResin. The tensile tests were setup on Instron 5920

with the same parameters as for the tensile bars made by PGSA/PEGDA resins.

During the test, a video was recorded to assess the rupture propagation, as well as

comparison to simulation. The tensile modulus was determined by the tangent of the

stress/strain curve during elastic deformation and the failure strain were obtained by

the fracture point of the curve. The toughness was calculated by the integrals of area

under the curve.

4.5 Finite element simulation

The tensile behavior and failure process of double-network made by HiResin

was simulated using the Abaqus (version 6.13) combined with self-developed codes.

The geometries of network are based on the measured parameters from tensile test of

HiResin and SEM measurements (shown in Fig. 4.3). The mechanical properties of

network are from figure 3 and shown in Table S1. The beams in network are meshed

with beam element (B23). When the tension stress of beam element reaches the

strength, this element is deleted, and a new structure generates. The new structure
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Figure 4.3: FEA parameters

is stored into a new input file (.inp) and then calculated by Abaqus. The above

calculation processes are integrated into self-developed codes. The strain and stress

of network is calculated and plotted in Fig. 4.4.
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Figure 4.4: Simulation Results for Tensile Tests of Network Structures
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Figure 4.5: 1H NMR Results of PGS and PGSA Synthesis

4.6 Results and Discussion

4.6.1 Synthesis of PGSA

The successful synthesis of PGS was confirmed by 1 H NMR in Fig. 4.5. The

substitution by acrylation group was confirmed by the chemical shifts at �6.4, 6.15

and 5.9. The acrylation ratio was calculated by the ratio between the average of

acrylation groups and that of the methyl groups on the PGS backbone with chemical

shifts at �2.4. Our protocol yielded PGSA with acrylation ratio of 40%.

4.6.2 3D Printing of PGSA

Our 3D printing system has demonstrated high precision and fidelity in

fabricating structure with small features with materials such as PU, PC and hydrogels

[17, 30, 129]. As a proof of concept, a 6 layered log pile structure with rods of 75

µm in diameter perpendicularly to each other between each layer was designed and

108



printed. The log pile structure was printed with high resolution lens module and

examined by SEM. The structure has recapitulated the details from design, such as

the smooth surfaces and layered structure. Additionally, our printing system has

provided the versatility of printing structures with the large features, such as the

network structure with total size 17 cm X 7 cm X 0.1 cm, which was printed with

high range lens module. Moreover, the printer can be used to print a structure

with di�erent mechanical properties by allocating explicit exposure time at specific

locations. The network structures were printed following the guide from the design

with the hexagon skeletons using longer exposure time whereas the internal diagonals

with lower durations. By using di�erent printing time, we have fabricated a network

where the skeletons with stronger material to retain the shape and the diagonals with

softer material to absorb the energy. The SEM image in Fig. 4.2 B has shown the

smooth surface of the double network structure printed.

4.6.3 Mechanical Properties of PGSA/PEGDA Resin

The PGSA and PEGDA resins provided a molecular-scale double network

where main component PGSA provided the elasticity and crosslinker PEGDA gave

the strength. Thus, by changing the relative concentration of each components,

the mechanical properties of the final polymer could be modulated. To investigate

their relationship, we prepared samples with crosslinker concentration ranging from

1% (LoResin), 5%(MeResin) and 10%(HiResin). They were printed into modified

ASTM type 4 tensile bars and tested following ASTM standards. As shown from

Fig. 4.6, the tensile modulus and ultimate tensile strength of three resins follows
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Figure 4.6: Tensile Test Results of PGSA/PEGDA Resins

the order of LoResin < MeResin < HiResin whereas the failure strain follows the

reverse order. Such observation could be explained by the polymer network structure

composition. The flexible PGSA polymer chains could move freely with respect

to each other, thus providing the room for elongation of the polymers. However,

the short-chain crosslinker PEGDA bring the PGSA polymer chains closer to each

other while restricting their motions by forming network structure between them.

In the presence of external forces, the PGSA polymer chains in HiResin has limited

room to change their conformations and locations, thus the chemical bonds of the

backbone structures and crosslinker will withstand the forces, making the polymer

sti�er and stronger. The restriction for PGSA polymer chains to move also reduced

their elongation before rupture, making the HiResin having the lowest failure strain.

Other than the composition, the mechanical properties of the printed structure

could also be tailored by varying the exposure time, hence the degree of cross-linking.
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Figure 4.7: HUVEC Viability Test on PGSA

In our previous publications, we investigated the relationship between the exposure

time and the sti�ness of the printed structures [17]. To apply the similar approach in

the PGSA/PEGDA resins, the same materials were printed with di�erent exposure

time, ranging from 30s, 45s and 60s. As shown in Fig. 4.6. the longer exposure time

will provide structures with more crosslinking, hence higher strength but lower failure

strain. This could be explained by the same analogy as for crosslinker concentrations

in previous discussion.

4.6.4 HUVEC Viability

Previous studies have reported that PGSA supported fibroblasts and cardiomy-

ocytes. However, as a potential material for vascular patch and grafting, the response
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from vascular endothelial has yet been discussed. The viabilities of HUVEC cells

on coated PGSA/PEGDA resins have indicated good compatibility of the material.

Compared to seeding on covershlip glass as control, the results show similar viability

(p<0.005) (Fig. 4.7), indicating a potential choice for vascularization work. Their

reported degradation also show suggest in will be compatible for in vivo repair.

4.6.5 Tensile Test of Network Structures

The results from the tensile tests on single (SN) and double network (DN)

structures were presented in Fig. 4.8. As predicted by the models, the SN with

30s exposure has the lowest elastic modulus whereas the SN with 60s exposure is

the strongest amongst the three structures printed. The elasticity of double network

structure fell in between the two SN structures, as predicted. The failure strain

appeared to be the reciprocal relationship with the elasticity of the structures where

the softest SN structure printed in 30s has the longest elongation and the strongest

structure has the shortest before rupture.

4.6.6 Toughening Mechanism of Double Network Structure

For SN structure, the beam sustains the stretching deformation (stretching-

dominated structure). For DN structure, the soft beam still sustains the stretching

deformation, but the sti� beam sustains bending deformation if the modulus of sti�

beams is much larger than that of soft ones. Bending deformation of sti� beam

results in the large deflection but small stress in the sti� beams. As shown in the

figure 4, the dimensionless stress (ratio between stress and strength) of soft beam is
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Figure 4.8: Tensile Test Results of Network Structures

larger than that of sti� beams. As a result, the stretched soft beam firstly reaches

the strength and be broken without any breakage of sti� beam. Compared with

the failure of SN structure, the failure of DN structure is controllable. Some of

soft beams break before any breakage of sti� beams. As we seen from Fig. 4.9

- Fig. 4.12), the work of rupture of soft beam and sti� beam is the same. The

breakage of soft beam will dissipate a lot of energy and avoid catastrophic failure

of whole network. The generously sequenced breakage of soft beams will also keep

the integration of the structure and maintain the function of the structure. Both

our simulation results and experimental results show that the failure strain of double

network before catastrophic fracture is larger than SN structures and bulk materials.

The ductility of DN structure is dramatically increase based on this design.
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Figure 4.9: Rupturing Process of Single Network Structures

Figure 4.10: Simulated Rupturing Process of Single Network Structures
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Figure 4.11: Rupturing Process of Double Network Structures

Figure 4.12: Simulated Rupturing Process of Double Network Structures
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4.7 Conclusion

This study has demonstrated the synthesis of elastomeric PGSA material by

esterification and acrylation. The DLP-based micro-scale continuous printing system

(�COMP) was used to print the polymer into structures sub-100 �m resolution within

minutes. The mechanical properties of the polymers with di�erent concentrations

of crosslinkers and exposure duration were examined. The results shown that by

modulating these two conditions, the elastic modulus of the printed polymers ranged

from 150 kPa to 800 kPa while the ultimate tensile strength expanded from 100 kPa to

300 kPa. All of the printed polymers could sustain more than 50% strain before failure,

which is optimal for most of biomedical applications, with some specific combinations

reached 100% strain before rupture. Furthermore, a polymer inspired double network

structure were printed by allocating hard and soft segments in specific locations using

di�erent exposure durations. This double network structure demonstrated enhanced

toughness by introducing soft sacrificial arms to absorb the energy during tensile test

while the hard segments withstand the overall structure intact. To understand this

observation, a finite-element analysis was conducted to evaluate the mechanism. This

study has demonstrated methods of fabricating structures with enhanced mechanical

properties from elastomeric polymers with long-term goals of developing functional

and bioabsorbable medical devices for implementations.
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Chapter 5

Conclusions
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5.1 3D Printing Polyurethane for Biomedical Ap-

plications

The use of three-dimensional (3D) printing for rapid prototyping and manu-

facturing has promised to produce components with complex geometries following

customized designs. Due to the excellent mechanical strength, flexibility and potential

biocompatibility, polyurethane (PU) has been developed for fabricating convoluted

biomedical devices by 3D printing. It o�ers many advantages in the manufacturing of

PU, including high fidelity, cost e�ectiveness and volatile customization. For the past

decade, numerous studies have explored 3D printing of PUs for biomedical research.

Notably, most of the work reported utilized an extrusion-based 3D printing system.

This chapter will discuss the properties of 3D printed PUs as well as their potential

application in the fields of biomedical engineering. 3D printing techniques such as

inkjet-based, extrusion-based and stereolithography are introduced and compared.

Lastly, we will explore the future application of 3D printed biocompatible PUs in

biomedical research.

5.2 Continuous 3D Printing of Green Aliphatic

Polyurethanes

Photo-sensitive diurethanes were prepared from methacrylate functionalized

six-membered cyclic carbonate and biogenic amines. A continuous optical 3D printing

method for the diurethanes was developed to create user-defined smooth gradient and
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complex surface microstructures in mere seconds. The resulting polyurethane from

green chemistry synthesis (gPU) showed high transparency and good optical and

mechanical properties. The gradient sti�ness of the printed structure was obtained,

and the range of sti�ness was tunable by controlling the exposure time and selecting

various amine compounds. 3D bio-mimicking and intricate structures featured with

smooth curves and complex contours were printed using the gPU materials with high

resolution. High cell viability (over 95%) was obtained in cytocompatibility testing

using C3H 10T1/2 cells seeded directly on the printed structures after 3 days and 7

days incubation.

5.3 3D Printing Hydrogels for In Vitro Regener-

ation of Retina

Recapitulating native retina environment is crucial in isolation and culturing

of retina photoreceptors (PRs). To date, maturation of PRs remains incomprehensible

in vitro. Here we present a strategy of integrating the physical and chemical signals

through 3D-bioprinting of hyaluronic acid (HA) hydrogels and co-di�erentiation

of retinal progenitor cells (RPCs) into PRs with the support of retinal-pigment

epithelium (RPEs). To mimic the native environment during retinal development, we

chemically altered the functionalization of HA hydrogels to match the compressive

modulus of HA hydrogels with native retina. RPEs were incorporated in the culturing

system to support the di�erentiation due to their regeneration capabilities. We

found that HA with a specific functionalization can yield hydrogels with compressive
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modulus similar to native retina. This hydrogel is also suitable for 3D bioprinting of

retina structure. The results from cell study indicated that derivation of PRs from

RPCs was improved in the presence of RPEs.

5.4 Controlled Growth Factor Release from 3D

Printed Hydrogels

Growth factors (GFs) are critical components in governing cell fate. Their

controlled delivery has been challenging due to their rapid turnover rates in vivo.

Functionalized hydrogel delivery system, such as heparin-based hydrogels, has demon-

strated great potential in regulating GF release for prolonged delivery. The e�ect of

concentration and molecular weights of heparin on retaining GFs has been investigated.

However, the role of geometry of their release kinetics has yet been discovered. In this

work, we combined our digital light projection (DLP) based 3D printing technology

with heparin-based hydrogels to study the release pattern of GFs from core-shell

structures. Cylindrical core-shell structures with varied shell thickness were printed,

and their release profiles were studied individually. Additionally, a mathematical

model was developed to predict GF release kinetics. From the curve-fitting of the

equation, we obtained the intrinsic di�usivity of GF from hydrogel, as well as the

other parameters, such as partition coe�cient. Furthermore, we achieved sequential

release of VEGF and PDGF from specially designed hydrogel structure. By switching

the spatial order of the two GFs, we successfully changed the release sequence.
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5.5 Rapid 3D Printing of Dual Network by Elas-

tomeric and Bioabsorbable Polymer

This study has demonstrated the synthesis of elastomeric PGSA material by

esterification and acrylation. The DLP-based micro-scale continuous printing system

(�COMP) was used to print the polymer into structures sub-100 �m resolution within

minutes. The mechanical properties of the polymers with di�erent concentrations

of crosslinkers and exposure duration were examined. The results shown that by

modulating these two conditions, the elastic modulus of the printed polymers ranged

from 150 kPa to 800 kPa while the ultimate tensile strength expanded from 100 kPa to

300 kPa. All of the printed polymers could sustain more than 50% strain before failure,

which is optimal for most of biomedical applications, with some specific combinations

reached 100% strain before rupture. Furthermore, a polymer inspired double network

structure were printed by allocating hard and soft segments in specific locations using

di�erent exposure durations. This double network structure demonstrated enhanced

toughness by introducing soft sacrificial arms to absorb the energy during tensile test

while the hard segments withstand the overall structure intact. To understand this

observation, a finite-element analysis was conducted to evaluate the mechanism. This

study has demonstrated methods of fabricating structures with enhanced mechanical

properties from elastomeric polymers with long-term goals of developing functional

and bioabsorbable medical devices for implementations.
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