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Abstract 

Soft tissues, including neural, adipose, and some vascular tissues, perform 

processes critical to survival and function such as circulation, cognition, and thermal 

regulation.  Many soft tissue-specific pathologies cause damage to soft tissues that may 

result in significantly reduced patient health and quality of life.  Larger -scale damage to 

functional soft tissue, as in cases of stroke, traumatic injury, or therapeutic removal such 

as mastectomy, results in loss of functional tissue on a volume scale that cannot be 

endogenously regenerated.  Adult mammalian brain tissue is particularly lim ited in its 

potential to regenerate; thus, cell therapy is a favorable avenue for functional neural 

tissue regeneration.  Transplantation of cells within a biomaterial deli very vehicle 

improves implanted cell viability and promotes integration of the trans planted cells 

with the host tissue.  Neural tissue cell therapy outcomes may be further im proved 

adding instructional cues to the protective delivery matrix that promote ti ssue 

regeneration; however, soft tissue regeneration processes are complex, consist of 

multiple stages, and in the case of neurogenesis, are not fully understood.  Thus, in vitro 

model systems with tunable control over material properties are needed for mo deling 

soft tissue interactions towards better understanding of their regeneration a nd design of 

therapeutic constructs. 

Current hydrogel models are largely inadequate in ach ieving soft -tissue mimetic 

stiffnesses while also providing independent and spatio temporal control over 
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biochemical cue presentation to cells.  Soft tissue culture models made from naturally -

derived polymers provide appropriate mechanical properties for so ft tissue but sacrifice 

control over biological signaling.  In contrast, synthetic  matrix systems offer greater 

independent control over biochemical signal presentati on and mechanical properties; 

however, they generally do not form stable networks within t he mechanical range of soft 

tissue (E<1 kPa). Further, even the most advanced synthetic tissue culture constructs do 

not optimally model the dynamic biochemical signa ling that occurs in vivo; while 

molecule-addition and molecule -removal methods do exist separately, current systems 

are limited in their capability to sequentially add and then remove the same molecule to 

model transient signaling. Thus, there exists a need for improved soft tissue engineered 

constructs that accurately recapitulate the stiffness and highly controlled dynamic 

signaling of natural soft tissue such as neural and fat tissues.  Here we present two 

developments in synthetic hydrogel design for im proved accuracy of modeling soft 

tissue regeneration within a controlled, reductionist env ironment.  

We first implemented a novel method of precisely and independently tunin g 

poly(ethylene glycol) (PEG)-based hydrogel stiffness to within the regime of soft tissue 

by incorporating soluble, allyl -presenting monomers in the hydrogel precursor solut ion 

before crosslinking, resulting in allyl -acrylate competition that alters crosslinking 

mechanics to decrease hydrogel bulk stiffness.  PC12 neural cells displayed enhanced 

neurite outgrowth within this neural stiffness -mimetic environment, both in 2D cu lture 
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on the surface of PEG-based gels and within a more physiologically relevant degradable 

PEG-based hydrogel.  We then implemented these hydrogels as a platform for 

investigating the effects of multiple environmental factors on neural stem cell behavior , 

observing that NSC behavior was influenced by interplay between matrix stiffness , 

adhesive peptide signaling, and soluble growth factor stimulation.  These results 

indicate that this compliant reductionist hydrogel is an appropriate system for 

evaluating  the influence of single and multiple factors on cell behavior individually and 

in concert within a controlled environment.  This controlled investigation of soft tis sue 

behavior is a promising approach for improved understanding of soft tissue 

regeneration. 

We next developed a genetically-encoded method for reversible biochemical 

signaling within PEG -based hydrogels.  We designed and implemented a recombinant 

protein with a SpyCatcher domain (capable of linking to a SpyTag-functionalized PEG 

matrix) connected to a cell adhesive RGDS peptide domain by a long-range UV light -

cleavable domain known as PhoCl.  This protein was shown to bind to SpyTag -

functionalized PEG-matrices via isopeptide bonding to present RGDS adhesive ligands 

to cells, then upon 405 nm light exposure, the PhoCl domain was cleaved to 

subsequently release the RGDS domain, which diffused out of the matrix.  This system 

was implemented to confer reversibl e adhesion of cells to the PEG-based hydrogel 

surface in 2D culture and differential cell spreading over time in 3D culture within cell -
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degradable PEG-based hydrogels, demonstrating the capability of this system to 

presenting dynamic signaling events to cells towards modeling soft tissue regeneration 

processes within in a controlled, ECM-mimeti c environment. 

To address limitations of current in vitro  soft tissue culture models, we 

developed methods for mimicking neural tissue stiffness and presenting revers ible 

biochemical signaling within modularly tunable PEG -based hydrogels.  These two 

synthetic hydrogel design technologies established in this work advance the capabilities  

for modeling soft tissue behaviors towards designing therapeutic tissue engineered 

constructs for directing therapeutic regeneration.  
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1. Introduction  

1.1 Soft tissue pathologies  

Many pathologies specific to soft tissues cause damage with poor functional  

recovery and reduced quality of li fe, indicating a need for improved patient out comes. 

Mammalian tissues span a wide range of mechanical properties, from bone tissue at 

greater than 1 MPa modulus [1, 2], to muscle at ~10- ~30 kPa [3, 4], to adipose tissue at 2 

kPa [5], and the softest tissue, neural, at 0.1-1 kPa in compressive modul us [6-8].  The 

ranges of softer tissues was illustrated  by Discher, Mooney, and Zandstra, shown in 

Figure 1 [9]. 

 

 

Figure 1: Ranges of elastic modu li for types of sof t tissue. Adapted from [9]. 

 

The soft tissue regime includes neural, adipose, and some vascular tissues.  These tissue 

types falling within the  soft regime are critical t o normal function, and their dama ge 

may have significant  detrimental  effects on patient health and function .  Unfortunatel y, 

many different  causes of soft tissue damage do exist.     
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1.1.2 Adipose Tissue Pathologies 

One common cause of damage to adipose tissue is breast cancer.  As the second-

leading cause for cancer-related death in women  and a rising  occurrence in developin g 

nations, many w omen will experience loss of breast tissue from pr eventative or 

therapeutic mastectomies [10].  Current implant ma terials for breast reconstruction are 

inadequate in terms of appearance and integration with end ogenous tissue [11].  A 

much less common but hi ghly metastatic type of cancer is soft-tissue sarcoma, which can 

affect vascular, adipose, and nervous tissue in addition to connective tissue [12, 13].  

Other causes of signi ficant adipose tissue damage include traumatic inj uries and genetic 

diseases called lipodystrophies  [14, 15].   

1.1.3 Vascular Diseases and Chronic Wounds 

Types of vascular pathologies and wounds are numerous and vari ed.  Vascular 

diseases include atherosclerosis, artery disease, pulmonary embolism, and deep vein 

thrombosis, among others.  Many of these disease states result in reduced or depleted 

circulation due to lum en narrowing or blockage .  Vascular tissue can also sustain 

significant trauma from  blun t injuries such as car accidents and penetrating injuries such 

as knife and firearm  injuries  [16].  In many cases of vasculature damage, surrounding 

tissue can experience necrosis due to hypoxia/i schemia from depleted circulation. 

Chronic wounds can be caused by trauma, ischema, diabetes, and inflammat ory di seases 

[17], and cause reduced function  (and quality of life)  and high  medical costs [18].  
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Additi onally , repeated drug injection  has been shown to lead to skin and soft tissue 

infections such as cellul it is and abscesses that cause wounds in addition to vascular 

injury  causing pain and mobility restrictions [19]. 

1.1.4 Neural Tissue Injuries  

An exampl e of soft tissue with particularly low endogenous regeneration 

potential in adu lts is neural tissue [20].  Thus, damage to brain tissue due to traumatic 

brain injury (TBI) or stroke often causes long-term patient di sability .  TBI often a results 

from  an external physical impact that stimulates an infl ammatory  response, neuron 

depolarization , and upregulation  of enzymatic activity that causes cell degradation and 

potential rupturing  of the blood brain bar rier  [21].  The damage caused by TBI can vary 

greatly ; however, this is a leading cause of death and disability in young adults [22].  A 

stroke is the death of brain tissue as a result of blood vessel blockage (ischemic stroke) or 

rupture (hemorrh agic stroke). Effects include extreme long-term weakness or paralysis, 

diffi culty speaking, cognitive and motor function issues, an d difficulty controlling 

emotions, and only 10% of stroke survivors experience near-full to f ull recovery [23, 24].  

These low recovery rates are likely due to the limit ed endogenous regenerative capacity 

of the adult m ammalian brain. Neural stem cells (NSCs) do reside in the adult brain 

within highly specialized stem cell niche (NSC niche) regions, where they are largely 

quiescent but can be activated and instructed by environmental c ues to differentiate into 

neurons and gli al cells [25, 26]. In response to tissue injury in t he developed brain, 



 

4 

endogenous neurogenesis is upregulated, but not to a degree of efficiency that 

regenerates the large volume of neural tissue that is lost by the injury  [20].  

1.1.5 Neurodegenerative Diseases 

In additi on to larger volume tissue loss from pathologi es such as stroke and TBI, 

degenerative neural diseases also cause damage to neural tissue with  minimal potential  

for endogenous regeneration.  Al zheimer’s disease (AD) is  a neurodegenerative disease 

associated with the  accumulation of  amyloid β plaques between neurons and the 

formation  of neurofibrillary  tangles, causing loss of synaptic function  [27].  

Neurodegeneration due to AD causes memory l oss and cogniti ve impairment, or 

dementia, in patients, resulting in  substantial  medical costs for patient care.  AD  

currently affects 10% of people over 65, and cases of AD  are expected to increase with 

the aging United States population [28].  Current treatment s are inadequate in restoring 

patient function  [28].  Hunti ngton’s disease is another neurodegenerative disease that is 

caused by a genetic disorder resulting in degeneration of medium spiny neurons in the 

striatum  [29]. Like AD , patients wit h progressive Hunt ington’s require full -time care, 

and there are no current  efficacious treatment options [30].  

 

1.2 Cell Therapy for Tissue Regeneration 

Due to the limited capacity of the brain to effectively regenerate neural tissue, 

cell therapy, the injection or transplantation of cells to provide ther apeutic response, is a 
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favorable avenue for functional neural tissue regeneration. Though limited, stem cell 

transplantation studies have demonstrated potential in tissue recovery, including NSC 

transplantation studies showin g promise in functional improvement after brain damag e 

via graft survival, donor cell differentiation, and sensorimotor  function recovery [20, 31-

35].  Cell therapy is also under exploration  for multiple  adipose tissue reconstruction 

methods, such as post-mastectomy or facial reconstruction, wh ere the large volumes of 

tissue are needed for reconstructive sur geries [11].  Initial studies of adipocyte precursor 

cell impl antation have shown some resulting adipose tissue formation in vivo [36, 37].  

Stem cell therapy is also currently being evaluated for use in treating chronic wounds 

that do not respond to traditiona l therapy methods such as wound dressings, negative 

pressure therapy, electrical stimulation, and growth factor delivery [38]. 

Transplantation of cells within a biomaterial d elivery vehicl e improves 

implanted cell viability and retention and promotes intimate inte gration of the 

transplanted cells with t he host tissue [32, 39].  Thus, tissue engineers are working to 

design optimized b iomaterial  delivery v ehicles to protect, retain, support, integrate, and 

improv e function of therapeutic delivered cells.  Following the guid e of engineered 

constructs for regeneration of other tissue systems [40], neural tissue cell therapy 

methods may be further imp roved beyond providing transport and cell protection  by 

adding instr uctional cues to the protective delivery matrix that promote t issue 

regeneration [41-43]. The process of NSC neurogenesis is not well understood, however, 
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and the guidemap, the NSC niche, is complex and dynamic [44]. As in other stem cell 

niches, a multitude of cell types and contact-mediated and paracrine signals are 

sequentially presented to NSCs in a heterogeneous fashion to intricately guide their 

differentiation  [45]. Therein lies the need for reductionist sof t tissue culture systems 

where the cues influencing differ entiation can be investigated towards designing  

protective tissue engineered constructs that harness these signals to direct and promote 

regeneration. Applicability of reductionist sof t tissue models reaches beyond just neural 

tissue, showing broad promise in mu ltiple types  of tissue regeneration including 

enhancing adipogenic differe ntiation critical to tissue reconstruction therapies and 

contributing to  improved angiogenesis and vascularization tha t provides oxygen and 

nutrients to many tissue t ypes. 
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2. Hydrogel Design for Tissue Engineering and 
Regenerative Medicine 

When creating materials to promote and support  tissue growth, properties of the 

natural tissue environment provide an impor tant design template [46]. To collect 

relevant results in vit ro and achieve successful integration and efficacy of impl ants in 

vivo, it is most advantageous to model the natural environment of the tissue of interest 

wit hin t he context of the biomaterial. For many years, cell studies were performed 

exclusively on sti ff glass and plastic substrates, where cells were grown in a two-

dimensional (2D) monolayer.  In vivo, however, cells are organized in three dimensions 

within a fibrous protein ECM that provides adhesive, biochemical, and mechanical cues 

that significantly influence cell behavior [47]. According ly, there has been a shift in cell 

culture systems from stiff glass and plastic surfaces to ECM-mimetic platforms. 

Hydrogels, crosslinked networks  of hydrophilic po lymers which readily absorb large 

volum es of water, are commonly used because they mimic the hyd rated matri x of 

macromolecules comprising the ECM [48, 49]. Cell environments are highly specif ied 

and dynamic, and thus, a wide range of hydrogel d esigns exist to model these different 

tissue conditions.  

 



 

8 

2.1 Natural polymer hydrogels 

 Many unique hydrogel culture platforms exist, fabric ated from both natural ly -

derived and synthetic polymers, as well as hybri d gels combining both polyme r types. 

Each class of polym er materials has both advantages and drawbacks, as outl ined in 

Table 1. Natural polymers commonly employed in hydrogels include  collagen, gelatin, 

fi brin , and hyaluronic acid (HA) [46, 48, 50]. A key advantage of natural polymer 

hydrogels is that th ey employ molecules that intrinsi cally have cell-material interactions 

through specific receptor-ligand binding and generally h ave natural enzymatic 

biodegradation mechanisms [46, 50]. Drawing on these advantages, natural polymer -

based hydrogels have been used for supporting tissue function and investigating  

mechanisms involved i n soft tissue regeneration and neurogenesis (table 1). 

Collagen is the most abundant protein  in the ECM and a widely used natural 

polymer in h ydrogel engineering. Collagen gels, commonly used in matrices designed to 

promote tissue growth , inherently promot e cell adhesion and allow cell spreading  and 

are enzymatically degraded, providing t he minim al biomaterial requi rements for 

support of 3D cell cultur e vascularization [51-57]. Gelatin is a derivative  of collagen that 

has been denatured via acid or base treatment. It  is widely u sed in biomaterials due to 

its low cost, cell-secreted protease degradability, and stability  over a range of conditi ons 

[35]. It is commonly functionalized with reactive m ethacryloyl gr oups to form  gelatin 

methacrylate (GelMA) and th en covalently crosslink ed for use as hydrogels for 
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supporting  cell cult ure [50, 58-63]. Another pro tein often used as a hydrogel is fibrin. 

Fibrin is for med from cleavage of fibri nogen by thrombin during coagulati on. In 

additi on to provid ing hemostasis, it also serves as a provisional matrix for the initial 

stages of wound healing [64].  Fibrin can be easily isolated from the blood for 

autologous-based hydrog el implan ts, ensurin g immunocom patib ility for in vivo and 

therapeutic applicati ons [50]. A non-protein polymer implement ed in hydrogel 

engineering is the glycosaminoglycan hyaluronic acid ( HA ). A prominent com ponent of 

the natural ECM, and especially of brain tis sue, HA is highly h ydrophilic a nd 

biodegradable [50, 52]. The biological properties of HA are largely dependent on its 

molecular weight: high MW (~ 10^6 Da) HA is nonim munogenic and antiangiogenic. 

Low MW (<3.5 × 10^4 Da) HA is notably pro-angiogenic, but also pro-inflamma tory, 

activati ng antigen-presenting cells and/or inflammat ory cytokines [65]. Thus, HA 

hydrogels for promoting controlled v asculari zation are made from high MW HA and 

functionalized to promo te angiogenesis [66, 67]. **Need to edit this section for mor e HA 

for neural tissu e engineered constructs. 

When designing ECM protein -based matrices for generation of  specifi c tissue 

types, it can be useful to model the local ECM normally  comprising th at tissue in vivo. 

For example, vascular tissue is enveloped by a specialized layer of ECM known as the 

basement membrane.  The vascular basement membrane is largely composed of laminin, 

collagen, perlecan and nidogen, as well as lower amounts of fibronectin [68]. Thus, ECM 
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protein laminin is commonl y included in combination with other natural polymers 

when designing pro-vasculogenic matrices, resulting in improved angio genic behavior 

[57, 69, 70]. For example, blending laminin into a colla gen matrix has been shown  to 

support  increasing VEGFR expression, resulting in increased endothelial network 

formation [57]. In fact, combining multiple nat ural  polymers to provide cells with a 

combination of signals has shown to have positive effects on improving vascularization 

[69, 71, 72].  Mixin g natural polymer s in a blend all ows optimal combinations of 

differing advantageous properties such as GelMA providing rapid gela tion mixed with 

collagen I improving  mechanical properties and providing additional biol ogical 

signaling to cells, enhancing capillary formation  [71, 72]. Other blends include fibrin 

contributing angiogenic signalin g plus HA improving s caffold longevi ty to support 

vessel formation [69] and chitosan providing biodegra dation, mechanical propertie s, 

and ease of modification plus gelatin improving biologi cal signaling [73].  Another soft 

tissue type that contains significant la mini n is neural tissue.  Major ECM components of 

the neural stem cell niche, a site of endogenous neurogenesis, include laminin, HA, and 

collagen.  Thus, many naturally -derived polymer  hydrogels designed for neural tissue 

are made from one or more of these proteins [69, 74-79]. 

The natural hydro gel material that most closely models the natural cell 

environmen t is decellular ized ECM. In theory, when cells are removed from the ECM, 

all protein s and polysaccharides remain, providing cell s the majority of signals they  
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would experience  in vivo as well as tissue-mimetic architecture [50, 72]. This is 

supported by decellularized ECM promoting  greater angiogenesis than collagen alone 

by also provided la minin, fibronectin, and GAG sig naling [80] and cell-seeded ECM-

based scaffolds retaining collagen, elastin, and laminin supporting  angiogenesis as well 

[81, 82].  Decellularized ECM matrices have also been implemented for neural and 

adipose tissue engineering [83-87].  Adipose-derived decellularized ECM is a material of 

interest because it is sourced relatively  easily from patients and is rich in ECM proteins 

and growth factor s [85].  Though decellulariz ed ECM has been used in soft tissue 

regeneration applications, it i s not common as other natural polymers because the 

decellu larization process is not trivial and can be harmful to the remaining ECM  [50, 88]. 

Less harsh decellulari zation methods are currently in devel opment [80]. 

While innate biocompatibilit y and bioactivity o f natural polymer matr ices are 

advantageous to a cell culture platform, these characteristics have significant drawbacks 

as well when developing minima list systems to better understand specific cell-material 

interactions. Full -length biomolecules present multipl e simultaneous bioactive cues to 

cells that are intrinsically and permanently paired. B iochemical, degradative, and 

mechanical properties cannot be adjusted independently  of each other in natural 

polymer hydrogels, which  prevents the investigation of  indiv idual gel proper ties and 

limits  the design of these gels for performing highly specific  functions [89, 90]. 

Additionally, as they are isolated from different specimens, large batch-to-batch 
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variability of natu rally -derived polymers  is a common issue that can confound 

reproducibility of studies [46, 48]. Thus, although some naturally derived  polymer 

matrices have been shown to support soft ti ssue regeneration, they do not provi de a 

highly contro lled and well -characterized environment for inve stigating the effect of 

environmental cues on cell behavior.  

 

2.2 Synthetic polymer hydrogels 

 Alternat ively, syntheti c polymer hydrogels provide a materi al that is highly 

customizable but requires significant  modif ication to model the cells' natural 

environment and to appropria tely interact with cells (table 1). Unlike most naturally -

based polymer materials, synthetic gels raise concerns of cytotoxicity to cells, usually  

associated with polym erization or crosslinkin g processes. For tissue engineering 

applications, the polymer gel components and gelation processes must be 

biocompatible. For example, poly(acrylamide)-based gels have long been implemented 

as soft cell cultur e platforms due to  the tunability of the ir mechanical stif fness [8, 91]; 

however, they are limited to 2D cell culture because acrylamide monomers are toxic 

prior t o polymerization. Thus, biocompatible  synthetic gels must be used if cells will be 

encapsulated in 3D. In addi tion t o limiting toxicity, synthetic gels must ameli orate an 

inflammat ory reaction in vivo. This can be achieved with a bioinert ch emical structur e 

that resists protein adsorption, wh ich is characteristic of many synthetic hydrogel -
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formi ng poly mers such as poly( 2-hydroxyethyl methacrylate) (PHEMA) and poly( vinyl 

alcohol) (PVA) [46]. The most widely i mplemented bioinert synthetic polymer in tissue 

engineering is poly(ethylene glycol) , or PEG. In addition to resisting protein adsorption 

through hydrophilicity and chain flex ibility, PEG chains also have no hydrogen bond 

donating  groups, making them more resistant to protein adsorption than PHEMA and 

PVA [46]. While bioinert ness prevents undesired reactions such as uncontrolled protein 

and cell attachment and foreign body r esponse, it also prevents these materials from 

having  any interactions with cells and any influen ce on tissue support or generation. 

Consequently, these types of syntheti c polymers require significant  modifications, which 

can be applied in a controlled fashion. Modifying synthetic po lymer -based hydrogels 

wit h peptides and proteins allows individual co ntrol over each component, and thus 

each property, of the matrix. I n result, we can create designer networks to perform 

specific functio ns (i.e. specific cell attachment, degradation rate, spatiotemporal grow th 

factor presentation) that may not otherwise b e possible with  only natural tissue.  

Synthetic hydrogels are well -characterized and have low batch-to-batch variability. 

Thus, synthetic polymer -based hydrogels have been implemented broadly in tissue 

engineering  applications both in vitro  and in vivo.  Whil e PVA-based polymer blend gels 

have been used to investigate or support  tissue culture [92-94], PEG-based gels are most 

commonly  implemented, and hav e been shown to consistently support a wide range of 

tissue culture models when appropriat ely fun ctionaliz ed [89, 95-106] (Table 1). 
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Table 1: Natural and synthetic polymers for hydrogel engineering  

 

 

2.3 Hydrogel crosslinking 

 In addition to th eir polyme r type, hydrog els are also defined by their method of 

crosslinkin g to form a continuous mesh network [50]. Polymer chains comprising 

hydrogels can be linked toge ther by physical entanglements, secondary interactions, or 

covalent or ioni c bonds [88].  Physical entanglements of polymer chains, often the 

crosslinking  mechanism of natural polymers, may be thermally triggered, as the 

polymers experience a change in solubility state at a critical temperature, causing them 

to lock together [107]. Collagen experiences self-assembly into an ECM-mimetic 

structure, drive n by secondary interactions, at 37 °C [50, 107]. Electrostatically linked 
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gels such as alginate are formed when polym er chains are exposed to cations with a 2+ 

charge, as multiple chains will  ionically bon d to each cation, creating crosslinked nodes 

[108]. These intermolecular in teractions between polymer chains form a gel but do not 

provi de as much stability  and strength as covalent crosslinks. There are several methods 

for covalently crosslinking hydr ogels. Widely impleme nted radical-mediated covalent 

crosslinkin g consists of generating free radicals that attack functional gr oups on polym er 

chain ends, consuming double b onds to covalently link t he chains together. This type of 

crosslinking can be employed with synthetic po lymers or natural monomers that have 

been modified with fu nctional moieties such as vinyl groups [46]. Initial formation of the 

free radical can be chemically or photo -induced. Photoinitiation is comm only used, as 

short exposure times of UV or visible light are nontoxic to loc al cells and efficiently 

cause initiator species to produce large amounts of free radicals that can be rapidly 

consumed [109]. Anoth er common category of covalent crosslinking gel is click -

chemistry react ions. Click chemistry is the rapid , high yiel d, nontoxic, highl y selective 

conjugation reaction between complementary functional groups that occurs for a 

number of  specifically paired groups [46, 107, 110]. Commonly  used pairs are azide and 

alkyne, whi ch can be link ed by a nontoxic strain-promoted azide-alkyne cycloadditi on 

(SPAAC) reaction [111], alkene and thiol , which are bonded through a radical -mediated 

'thi ol-ene' reaction [112], and Mich ael addition, wh ich is a class of click reactions 

between enolate nucleophiles and activated electrophilic olefins  [113]. Earlier iterations 
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of several click reactions were effective but proved incompatible  wit h cells and have 

since been remediated or replaced for cell encapsulation applications: Micha el reactions 

originally implementing acrylate acceptors re quired a basic buffered environment toxic 

to some cells, but different acceptors allow ed a cell-compatibl e reaction environment  

[110]. Azide-alkyne reactions driven by tox ic copper catalysis was replaced by SPAAC 

and also led to the development of non-toxic, photoinitiate d th iolene click reactions [110, 

111]. These new methods all ow for the versatility of click -reaction mediated cell 

encapsulation. 

 

2.4 Modification of synthetic hydrogels to support cell culture 

2.4.1 Cell adhesion 

While minim izing uncontroll ed protein adsorption to synthetic hy drogel biomaterials 

can reduce adverse cell behaviors or inflammatory responses, it also reduces or 

eliminates cell adhesion to the material. Cells adhere to their substrate to generate force 

required to spread and migrate through the matrix and make cell -cell contacts required 

for processes involved tissue regeneration and remodeling . In their natural tissue 

environ ments, cells attach directly to ECM proteins via cell surface receptors such as 

integrins. In addi tion to the effects of spreading and migration, adhesion r eceptor 

binding itsel f has downstream effects on cell function by binding to gr owth factors, 

upregul ating protease expression, and transmitting ECM signali ng, thus, cell-matrix 
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adhesion can also influence cell behavior, including proliferation, di fferentiation , and 

remodeling  [114]. Most hydrogels from naturally -deriv ed polymers have intrins ic cell-

adhesive ligands that interact with receptors on  many cell types and stimulate signaling 

pathway s to promote cell behaviors. For example, hydrogels made from gelatin [62], 

collagen [55], fibrin [115], a GelMA -collagen mix [71], and a collagen-laminin mix [57] 

have been shown  not only to promote cell adhesio n and spreading, but also to support 

tubulogenesis when in contact with  vascular cells. Synthetic polymer -based hydrogels 

instead generally resist protein and cell adhesion and must be functionalized f or 

directed cell-material interactions. 

While implement ing prote ins into hydroge ls can confer cell adhesion, 

incorporating these whole proteins affords little co ntrol over presentation of adhesive 

domains and also introduces potential issues with stability , as proteins are susceptible to 

denaturation during hy drogel fabrication processes [106]. Greater control over cell 

adhesion is asserted by attaching short peptides to  the hydrogel m atrix  that contain only 

binding domains of the protei ns and are stable across a greater range of condition s [62, 

65, 97, 106, 116]. This allows the control over adhesive sequence presentation and 

density w ithout intr oducing other confounding signals to the  gel matrix design. 

Commonly i ncorporated cell-adhesive pepti des include fibronect in-derived RGD, which 

binds the α5β3 and α5β1 integrin among others on many cell types [117], fibronectin-

derived REDV and KQAGDV, which facilitate vascular endothelial cell and vascular 
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smooth muscle cell adhesion, respectively [116, 118, 119], and laminin -derived I KVAV  

and YIGSR, which bind specific laminin recept ors. 

RGD is one of the most widely used cell-adhesive peptides in hydrogel desi gn 

for tissue engineering , as this domain is found in several ECM proteins and bin ds 

integrin r eceptors on a multitude of cell types [106, 116, 117], such as fibroblasts, neural 

cells, and vascular cells [120-122]. RGD binds the α5β3 integrin expressed by endothelial 

cells [117], and RGD-mediated vascular cell spreading has been shown to lead to 

endothelialization [103] and tubulogenesis [101]; thus, RGD is commonly included in 

gels for vascularization [123] and neural tissue culture [120, 124-126].  IKVAV  has also 

been an instrumental peptide i n supporting angiogen esis [106] and promoting 

neurogenesis [127-130], and when used to functional ize chitosan gels in a skin wound 

healing model, was shown to promote accelerated capillary  formation and enhanced 

wound healing [131].  Additional ly, cells encounter different ECM proteins and protein 

domains in vivo, sometimes at the same time. Studies have been performed to determine 

how combinations of peptides influence  soft  tissue behavior [106, 132].   In peptide -

functionalized d egradable PEG-based hydrogels, encapsulated vascular cells showed 

the greatest tubulogenesis in vitro  in gels with both tethered YIGSR and RGDS, in 

comparison to gels with YIG SR alone, IKVAV + RGDS, IKVAV  alone, and RGDS alone.  

In another study, addition  of RGDS to PEG-IKVAV and PEG -YIGSR enhanced 

tubulogen esis in vivo as compared to those in PEG-IKVAV and PEG -YIGSR gels alone 
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[106]. In these studies, the RGD promoted cell adhesion, while YIGSR stimulated cell 

organization into tubules. These results, support the notion that different cell -protein 

domain adhesion events support separate processes of vascularization to have a 

synergistic effect overall on tubulogenesis when occurring in concert [106, 132].  

Interestingly, combining adhesive peptides had a markedly different effect on neurite 

outgrowth from PC12 neural cells seeded on function alized PEG hydrogels. 

Combinations of PEG-RGDS with PEG-IKVAV and PEG -YIGSR did not improve neurite 

outgrowth compared to PEG-RGDS alone; addition of PEG-YIGSIR actually had an 

inhibitory effect on neurite extension [120]. 

2.4.2 Degradation 

 In addit ion to adhering to their hydrogel matrix, cells must mi grate to interact 

and arrange into newly  formed  functio nal tissue. Macroporous hydrogels have large 

enough pores for cells to spread and migrate throughout the gel. Cryogels, hydrogels 

that are crosslinked around ice crystals at freezing conditions to leave macroscopic 

pores, have been implemented to support tissue formation  [70, 133-135]. 

Interconnectivity and size of pores influence cell assembly for angiogenesis and perm it 

vessel ingrowth  [136]. 

 In commonly im plemented nanoporous hydrogels, however, the hydrogel 

material must be broken down for cells to migrate throug h the network. Degradation 

allows cells to both migra te and remodel their surroundings, repl acing the hydrogel 
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wi th newly prod uced ECM [137]. The rate of hydrogel degradation is a limiting factor in 

endogenous cell ingrowth and tissue remodeling [138]. Whi le natural polymer -based 

hydrogels are inherently subject to degradation by cell -secreted enzymes [137], synthetic 

hydrogel matrices for promoting t issue regeneration must be designed to degrade as 

cells build new tissue. The two main methods of synthetic gel biodegradation are 

hydrolysis and incorporation of proteolytic peptide sequences.  

Some synthetic poly mers are inherently degradable by hydrolys is. In this 

process, polymers linked  via ester, ether, anhydride, amide, and carbonate groups can 

undergo reverse condensation in aqueous environments, where their covalent linkages 

are cleaved via reaction with wa ter molecules. The rate of this process is catalyzed by 

environ mental factors such as local enzymes or ions and is also impacted by the 

hydrophilicity  and permeability of the gel, which control the availability of its 

susceptible groups [139-141]. Relevant polymers susceptible to hydro lysis include 

poly(lactic acid) and poly(glycolic acid), as these polymers are combined with non -

degradable polymers lik e PEG to confer hydrolytic degradation to PEG hydroge ls [142, 

143]. Desired degradation  rate is achieved by tuning polymer ratios [118]. However, 

wh ile the hydrolysis mechanism is effective in biological environments and can be 

controlled to match the hypo thesized rate of tissue development , it is not in direct 

response to cell behavior , whi ch is a favorable method of control.  
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 To achieve cell-mediated, spatially controlled network degradation without 

introducing the complications of full -length pro teins, enzyme-degradable peptides from 

ECM proteins are commonly conjugated to synthetic polyme rs forming  hydrogel s. 

These peptides, derived from co llagen and laminin, are susceptible to cleavage by 

enzymes released by local cells as the cells spread, migrate, and begin produce new 

ECM, modeling in vivo tissue processes [144]. When linked into the polymer backbone, 

these sequences allow gel degradation at a rate controlled b y cell behavior. The peptide 

density and sequence selected also influen ce the degradation pro file. 

 The most common cell-secreted enzymes that degrade ECM proteins are the 

family of matrix metalloproteinases (MMPs). They are respons ible for remodeling the 

ECM and are also upregulated in many disease states. A large array of MMPs exists, and 

differ ent peptides have different susceptibilities to each MMP. Most early used 

enzymatically -degradable peptide sequences were derived from an MMP-sensitive 

collagen domain; however, later models have contained versions of these sequences that 

have been modifie d to increase kinetic rates [138]. In addition, dif ferent degradable 

sequences vary not only  in rate of cleavage, but promiscuity to differ ent proteases. In a 

study by Patterson and Hubbell, a panel of sequences were exposed to MMP1 and 

MMP2, revealing a vari ety in both degradation rates and sensitivities to MMP1 and 

MMP2 [138]. Peptides can also be designed to have different rates of degradation by the 

same MMP, allow ing a wide range of design options for developing gels to support 
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tissue growth  and regeneration. Vascular cells secrete MMP's 2 and 9, and thus MMP-

degradable peptide sequences are wid ely used in hydrogel designs for supporting 

vascularization [89, 101].   

 Neural cells including n eurons and glia also express MM P-9, and MMP-2, -3, and 

-9 are highly expressed by central nervous system cells [145].  Some cells, including 

those of soft tissue, secrete other enzymes capable of degrading ECM-derived protein  

domains.  As neural cells extend growth cones, the distal tips of axons and dendrites, 

they secrete proteases includ ing plasminogen activators (PAs) [146].  PAs convert 

inactive plasminogen to active plasmin, a prom iscuous enzyme that degrades many 

ECM protein  domains including fibrin at LysҨXaa and ArgҨXaa domains [147] and 

also activates other proteases including MM Ps [146, 147].  Beyond making fi brin 

matrices for supporting neural cell cul ture [148] and blending fibrin with other polymers 

to confer plasmin-mediated degradability  [69, 149], synthetic hydrogels have been 

modified with plasmin-degradable sequences as complex as a recombinant protein 

presenting two plasmin -degradable sites, an RGDS adhesive domain, and a heparin 

binding d omain, and as simple as 3 amino acids, rendering the networ ks plasmin-

degradable [144, 150-152].  Multiple degradation schemes may be implemented with in a 

single matr ix platform by incorp orating MM P-degradable and plasmin -degradable 

domains int o one hydrogel [153]. 
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 Engineering hydrogels to present the highest degradability is not necessarily 

always advantageous: matrices for tissue engineering must provide mechanical su pport 

to cells until th ey produce their own ECM, Further , rate of degradation controls cell 

migration dynamics through th e matrix, which can influence tissue architecture. While 

low degradation inhibits cell invasion,  very fast degradation permits cells to  migrate 

quickly and in dependently for cohesion and connectivity .  Instead, an intermediate rate 

of degradation optimally  support s multicellular migration as a unit  or chain. [154]. 

2.4.3 Mechanical properties  

 In addi tion to provi ding cells with bi ochemical cues, ECM mechanical stiffness 

guides cell behavior, and as such, the mechanical properties of hydrogel matrices for cell 

interaction are also an important design consideration. Throu gh a process known as 

mechanotransduction, th e stiffness of the environment in response to cell-generated 

contractile forces is internali zed by the cell and leads to signaling pathways that 

influence cell behavior [155, 156]. Cell adhesion, spreading, viability,  and migration a re 

all inf luenced by matrix stiffness  [90, 157]. As an example of the impact of 

mechanotransduction, stem cells differentiate down cell line ages corresponding to the 

tissue type that matches the stiffness of their envir onment [8, 158-163].   Cell spreading, 

locomotion, and progenito r differentiation are necessary for any type  of new tissue 

formation, and as such, hydr ogels for promoting tissue regeneration must be designed 
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wit h mechanical propert ies that are supportive, or at least permissive, of cell spreading 

and migration.  

Traditi onally, hydrogel stiffnes s has been controlled by adjusting the amount of 

polymer in th e gel (polymer density) or crosslinking densit y. These methods have been 

implemented for years to effectively control gel stiffness and resulting cell behavior [8, 

161, 163]. Crosslinking density of PEG-based gels has an inverse relationship with both 

spreading and migration  of encapsulated human mesenchymal stem cells [164], and 

mouse MSC encapsulated in acrylated HA responded to increased HA density wit h 

reduced spreading, prolif eration, and migratio n rate [165]. Beyond morphology and 

locomotion, gel sti ffness via density is also a common tool for influenci ng stem cell 

lineage specification [161, 163, 166, 167]. Vascular progenitor cells favor endotheli al 

differentiati on on softer matrices and smooth muscle cell differentiation on stiffer 

substrates [91].  Lower density, more comp liant gels have been shown to favorably 

support pro -angiogenic behavior of more mature vascular cells in comparison to stiffer 

matrices in both 2D and 3D cell cultu re [155, 168]. Though some behaviors differ, this 

overall trend hold s true in many different culture s ystems [52, 101, 169-172].  Neural 

cells also demonstrate more neurogenic behavior, including  increased neurite extension 

and preferential neuronal differentiation,  in softer environments  [120, 167, 173-177].  

Specific behavior  is dependent upon cell type and matrix envi ronment.  It is imp ortant 

to consider that the effects of mechanical stiffness are context-dependent and may vary 
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for different applications [178].  Hydrogel systems should be designed to model the 

stiffness of the tissue of interest for both  accuracy in vitro and successful integration in 

vivo.  

Ad ditionally, hydrogel  (and native tissue sample) stiffness can be measured in 

many different ways , and these methods provide different information about material  

mechanical properties.  Young’s modulus, evaluated as the slope of a stress/strain curve 

of a material, describes the elastic, linear mechanical properties of the material and 

disregards the nonlinear plastic mechanical properties as the material is undergoing 

permanent deformation  [156] .  Static mechanical testing to evaluate time-independent 

material properties such as elastic modulus, can be implemented to evaluate material 

mechanical properties under tensile or compressive load.  Tensile elastic modulus and 

compressive elastic modulus are not interchangeable and their relationship is dependent 

upon the hydrogel composition  (ie for linear PEG + 4-arm-PEG cylindrical hydrogels , 

compressive moduli were greater than tensile moduli  [179], while  PEG-based hydrogels 

with patterned elasticity  showed greater tensile than compressive stiffness [180]).  

Beyond bulk material scale modulus, nanoindentation can be implemented to 

probe the compressive modulus of a small region of material via atomic  force 

microscopy, providing material properties on a much smaller scale [181, 182]. 

In addition to linear axial loading, shear modulus of a material may be evaluated 

by exposing the sample to shear stress.  For purely elastic materials, the shear modulus 
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is equal to 1/3 the Young’s modulus [1].  Hydr ated polymer networks, however, display 

viscoelastic, or time-dependent mechanical behavior which may be evaluated via 

dynamic  mechanical testing, where storage modulus (elastic component) and loss 

modulus (viscous component) can be quantified as samples are subjected to oscillating  

stress [183].   

Modulating polymer and crosslinking density consistently wor k well to adjust 

gel bulk mechanical stiffness, but drawbacks exist: particularly f or naturally -derived 

polymer hydrogels, changing the polymer density of the gel also inherently al ters the 

density of innate bioactive signaling moieties in their structure  [89, 90]. As these 

biochemical signals also significantly impact cell behavior, the density  modulat ion 

method pr events the decoupling  of the contribut ions of stiffness effects and biological 

signaling on cell behavior.  This creates challenges in determin ing the effects of 

indi vid ual factors as compared to interacti ng effects of each property.  In fact, a study 

altering gel stiffness and collagen density separately determined opposite effects of each 

factor on endothelial behavior, showing that pairing of these properties is detrim ental to 

our understanding of these biological systems [53]. While manipul ating crosslinking 

density does not inherently change the adhesive, degradative, or biochemical sites if the 

crosslinker is bioinert, both po lymer density a nd crosslinking density can affect the gel 

pore size and the rate of dif fusion of key soluble bioactive molecules through the 

hydrogel  [89, 155]. It was shown in fibrin gels that a decrease in endothelial tubule 
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length in response to gel density was largely due to reduced penetration of  soluble 

angiogenic factors, as this effect was ameliorated at high stiffness by encapsulating 

angiogenic factor-secreting fibroblasts [184]. Thus, researchers are developing alternate 

methods of controlli ng gel stiffness independently of poly mer content and crosslinking 

density. One method of changing gel stiffness without altering density is by stiffening 

indi vidual co llagen proteins with non -enzymatic glycation prior to gel formation. This 

changes the structure of  the fibrils  wit hout inf luencing the porosity of the gels [53, 54].  

In another strategy that will be furthe r explored within th is dissertation, PEG-based 

hydrogel modu lus can be controlled by modifying the PEGDA chains with an  allyl -

termina ted side group that interferes with propagation of a crylate crosslinking, thus 

changing the strength of crosslinking sites and significantly re ducing gel stiffness 

without impacting b iomolecule density or hydr ogel permeability.  This system showed 

enhanced tubulogenesis of encapsulated vascular cells within the more compliant 

hydrogels than in  stiffer gels in both in vitro and in vivo [89, 102].  

2.4.4 Controlled presentation of biochemical factors 

2.4.4.1 Sequestration  and contro lled re lease of signaling molecules from hydrogel 

materials  

 Tissue regeneration can be a tightly regulated an d timely process; thus, extended 

presentation of factors is necessary. Presentation of soluble factors can promote 

regenerative cell behaviors; however, bolus delivery  of soluble molecules (even within  
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hydrogels) can result in  rapid clearance and negative off -target effects. Thus, in addition  

to permitting encapsulated cell migration and en dogenous tissue ingrowth, degradation  

of the matrix may be used as a tool to control release of cell-instructive molecules into 

the local environment . When growth factors  are released due to gel degradation, they 

are released over a longer time period, whi ch is shown to lead to enhanced tissue 

remodeling  [185, 186]. The degradation profile of a matrix can be controlled with 

di fferent cleavable sites to regulate release rate of pro-regenerative factors and tun e new 

ti ssue formation.  

Anoth er strategy for  providing su stained biomolecule signaling is heparin 

binding , a method of temporarily immobilizing biomolecules for prolonged r elease and 

longer-lasting  interaction with cells . This approach is based on mimickin g a natural 

process: heparin is a glycosaminoglycan produ ced that bi nds certain proteins via 

electrostatic interactions. This interaction sequesters the biomolecules, providing t hem 

stabilizati on and protection, and releasing them slowly over time . Quite a bit of work 

exists around heparin bindin g pro-angiogenic growth fac tors VEGF and basic fibroblast 

growth factor (bFGF), and it has been shown that these factors retain bioactivi ty when 

bound to heparin [62, 92, 187]. Heparin binding may be uti lized for biomolecule 

presentation in vit ro by simply mixing heparin wi th the protein. The method by which 

heparin itself is bound to the polymer matrix influences the rate of growth f actor release, 

with c ovalently -linked heparin -biomolecules experiencing longer sustained release than 
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those non-covalently incorporated into th e gel [104, 188]. Growth factors immo bilized to 

different gel s have shown reduced burst release and greater sustained release from 

heparin -containing gels up to 21 days in vitro in comparison to non-bound encapsulated 

factors [61, 62, 104].  

Another cl ass of molecules that temporarily binds proteins with high specificity 

are aptamers, short oligonucleotide strands selected for their b ioactivity th at can be 

conjugated to polymer chains as well. These molecules are advantageous for 

functionalization of bi omaterials because they bind to targets with high specificity and  

affinity and without  inducing an immun ogenic response [189]. Further, both  heparin 

and aptamers can be used to bind m ultiple  biological  factors for simultaneous prolo nged 

cell exposure, which has been shown to enhance therapeutic or regenerative response. 

2.4.4.2 Immobilization of signaling mole cules to hydrogel mat erials 

 To effectively induce soft tissue regeneration in in a controlled fashion, we desire 

spatiotemporal control over biochemical mol ecule factor presentation, with local 

sustained exposure. While some success in driving tissue regeneration has been 

achieved by soluble delivery of growth factors via inclusion in cell media or 

encapsulation [67, 101, 190], a greater level of control can be exerted over cell behavior 

by presenting these factors permanently immobilized within the  hydrogel  matrix [97, 

103, 191-193]. 
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 A commonly used method of tethering bio active molecules is covalent linking, 

where a permanent covalent bond i s formed between the bioactive molecule and the 

polymer chains of t he hydrogel matrix. This method has been used extensively to 

influence cell behavior,  including guiding cell phenotype  and stem cell differentiation 

[192-194]. Effective strategies commonly implemented for covalent tethering include 

light triggered free radical mediated linking and click -chemistry reactions. Originally 

employed  for  crosslinking po lymer chains in to a network, radical propagation  and click 

chemistry are widely implemented to covalently link biomolecule s to polymer networks 

[192, 195-197]. Note that the biomolecule must first be functionalized with a chemical  

group  that will allow it to covalently bind to the polym er network. For free radical-

mediated tethering, biomolecules are first conjugated to a vinyl -functionalized polymer 

that will form cro sslinks with the backbone polymer  viny l endgroups during network  

formation. Conversely, for click reactions, the biomolecule is conjugated to a functional 

group t hat is part of a binding scheme orthogonal to that employed for crosslinking. 

Due to the specificity of click react ion pairs, functi onalized biomolecules may be 

tethered to the network after the gel is formed, as their partners remain unreacted after 

crosslinking.   

While the above methods implementing proteins have proven effective for 

promoting new ti ssue formation , another molecule that influen ces cell behavior that is 

smaller, more stable, and customizable with facile productio n is the peptide. Peptides 
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can be designed to present key regions of the protein for the intended cell response 

while avo iding i mmunogenic responses and loss of bioactivi ty when attached to 

polymer matrices, which are pot ential drawbacks with large growth factor proteins [97].  

It is particu larly important that peptides are conjugated to the hydrogel matrix because 

their smaller size makes them susceptible to di ffusi ng away from the site of interest 

[190].  When VEGF-mimetic p eptide Qk was tethered to a PEG gel, the peptide 

outperformed tethered VEGF, but the most robust angiogenic response was to a 

combination of bot h tethered and soluble signaling, which mimics the natural tissue 

environment  [97]. 

2.4.4.3 Dynamic presentation of biochemical signals  

While heparin and aptamers slow the release of biological  factors, more precise 

temporal control over  signal presentati on wi thin h ydrog els is desirable for mimicking 

the complex biological signaling profile presented  during tis sue generation.  Dynamic 

signaling is key to stem cell differenti ation and tissue regeneration, and neurogenesis is 

no exception [26, 44, 198, 199]. Advanced hydrogel  design components have been 

developed for spatiotemporally controlled biologic al signal presentation in biomaterial 

systems, including controlled linking of tether ed factors and release of trapped  or 

tethered molecules for soluble signalin g.  These methods will be further described in 

chapter 7.     
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3. Polymer and Hydrogel Synthesis and characterization    

3.1 Materials and Methods 

3.1.1 PEGDA synthesis and characterization 

In order to form a covalentl y crosslinked polymer network, linea r PEG chains 

must be functionalized with endgroups capable of bonding.   Here, vinyl acrylate grou ps 

are added to the chain ends for rapid, efficient free-radical mediated covalent 

crosslinking.   PEG was functionaliz ed by the follow ing method: Poly(ethylene glycol) 

diacrylate was synthesized via the reaction shown in Figure 2.   

 

Figure 2: PEG-Diacryla te synthesis reaction chemical equation  

 

6 kDa poly(ethylen e glycol) (PEG, Sigma, St. Louis, MO, USA) was dissolved in 

anhydrous dichloromethane (DCM, Fisher Scientific, Waltham, MA, USA) with 2× mola r 

excess of triethylamine (TEA, Sigma, St. Louis, MO, USA). 2× molar excess of acryloyl 

chloride (Sigma, St. Louis, MO, USA) was added in a dropwise fashion and the mixture 

was allowed to react overnight under argon. After the reaction, K 2CO3 (Fischer Scientific, 

Waltham, MA, USA ) was added to separate the mixture into phases and release CO2. 

Any remaining aqueous phase was removed by addition of MgSO4 (Fisher Scientifi c, 
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Waltham, MA, USA) and the organic phase, containing PEG, was precipitated with cold 

diethyl ether (VWR Analyti cal, Radnor, PA, USA), then filtered and d ried under 

vacuum.  Acrylation was verified via p roton nuclear magneti c resonance (1H-NMR—500 

MHz Varian/Agilent VNMRS spectrometer (Agilent, Santa Clara, CA, USA) in 

chloroform -D with tetramethylsilane  (ACROS Organics, Fair Lawn, NJ, USA)). 

3.1.2 PEG-peptide conjugation and characterization 

To confer cell -adhesion and cell-mediated degradability , PEG was functionalized 

via N-hydr oxysuccinimide ester chemistry with peptides via the following conjugation 

methods: To promot e cell adhesion to the PEG hydrogel matrix, acrylated PEG-

conjugated peptides (or PEGylated peptides) were made as fol lows: adhesive integrin -

binding ligand peptid e arg-gly -asp-ser (RGDS; GenScript, Piscataway, NJ, USA) was 

conjugated to 3.2 kDa acrylate-PEG-succinimidyl valerate (acryl -PEG-SVA; Laysan Bio, 

Arab, AL, USA) by dissolving 1 m ol acryl -PEG-SVA with  1.2 mol RGDS (0.2 molar 

excess) in anhydrous dimet hyl sulfoxide (DMSO, Sigma, St. Louis, MO, USA), then 

adding 2 moles N,N -diisopropylethylamine (DIP EA, Sigma, St. Louis, MO, USA) per 1 

mol acryl -PEG-SVA, and allow ing to react overnight at room temperature with c onstant 

agitat ion. This nucleophilic  substitutio n reaction scheme is shown in Figure 3. 
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Figure 3: Cell -adhesive Acryl -PEG-RGDS conjugation reaction  

 

The Acryl -PEG-RGDS product was dialyzed  against ultrapure water using a 3.5 

kDa MW CO regenerated cellulose membrane (Repligen, Waltham, MA, USA) and then 

the product was lyophilized .  To provide alternati ve cell adhesion and potentially 

stimulate neuro genic cell behavior, laminin -derived cell-adhesive peptid e IKVAV was 

conjugated to Acryl-PEG-SVA using the same method as that for RGDS conjugation .   

For cell spreading and migration necessary for 3D cell culture wi thin  a scaffold, 

acrylated degradable polymer backbone PEG-PQ-PEG was made as follows: with 

peptide GGGPQGIWGQGK, PQ for short, degradable by matrix metalloproteinases 2 

and 9, (PQ; GenScript, Piscataway, NJ, USA) was conjugated to  3.2 kDa acrylate-PEG-

succinimid yl v alerate (acryl-PEG-SVA; Laysan Bio, Arab, AL, USA) by dissolving 1 mol 

acryl-PEG-SVA with 2 mol RG DS (for PQ to be link ed on both ends to Acryl -PEG) in 

anhydrous dimethyl sulfoxide (DMSO, Sigma, St. Louis, MO, USA), then adding 2 moles 
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N,N -diisopropylethyl amine (DIPEA, Sigma, St. Louis, MO, USA) per 1 mol acryl-PEG-

SVA, and allowing t o react overnight at room temperature with constant agitation. The 

product wa s dialyzed against ultrapure water using a 6 -8 kDa MWCO regenerated 

cellulose membrane (SpectrumLabs) and then the product was lyophilized.   The reaction 

scheme for acrylate-PEG-PQ-PEG-acrylate (referred to as PEG-PQ-PEG) is shown in 

Figure 4. 

 

Figure 4: Cell -secreted protease-degradable PEG-PQ-PEG conjugation reaction   

 

Conjugation efficiency for PEGylated peptides was assessed via gel permeation 

chromatography (GPC) with an evaporative l ight scattering detector (Polymer 

Laboratories, Amherst, MA, USA).    

3.1.3 Hydrogel fabrication 

First, glass slides were treated wi th Sigmacote (Sigma, St. Louis, MO, USA) to 

impart hydrophobicity an d glass coverslips were modified to present methacrylate 

group s by firs t etching with Piran ha (30% H2O2 (EMD Millipore, Bur lington, MA, USA) 
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+ 70% H2SO4 (VWR Analytical, Radno r, PA, USA)) for 1.5 h, followed by soaking for  48 h 

in 95% ethanol (Decon Labs, King of Prussia, PA, USA) with 2% v/v 3-(trim ethoxysilyl)  

propyl m ethacryl ate) (TMSPA, Sigma, St. Louis, MO, USA). 

Next, the hydrogel precursor solution  was made:  PEGDA was dissolved at 

desired concentration in 20 mM HEPES-buffered saline (pH 8.3) with type 2 

photoinitiator  (PI) system components 10 µM Eosin Y (Sigma, St. Louis, MO, USA) and 

1.5% v/v triethan olamine (TEOA, Sigma, St. Louis, MO, USA) (pH 8.3) for light -activated 

crosslinking , and co-monomer 0.35% v/v n-vinyl -2-pyrrolidone (NVP, ACROS Organics, 

Fair Lawn, NJ, USA/Sigma, St. Louis, MO, USA) for complete crosslinking.  

To form a hydrogel, this gel precursor solution was pipetted onto a Sigmacote-

treated glass slide, between polydimethylsiloxane (PDMS, Electron Microscopy Sciences, 

Hatfield, PA, USA)  spacers. The spacers were 1 mm thick for  gels made for mechanical 

testing and 0.4 mm thick for gels made for cell seeding. Then, a methacrylate-modifi ed 

coverslip was placed on the spacers, sandwiching the gel precursor in a cylindrical 

shape between glass surfaces. The gel precursor solution wa s then exposed to white 

light f rom a Fiber-Lite High I ntensity Illuminator S eries 180 lamp (Dolan-Jenner 

Industries ; 275-280 mW/cm 2) for 50 s.  This protocol is shown in Figure 5a. 

For hydrogels to be seeded with cells, PEG-RGDS was also dissolved in the same 

PI solution and combined with the PEGDA solution  before crosslinking (Figure 5b).  For 

3D cell cul ture purposes, PEGDA was replaced with PEG-PQ-PEG (Figure 5c).  For 
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hydro gels containing competitive vinyl monomers, the monomers w ere dissolved in the 

same solution and added to the polymer solutions  before crosslinking  (Figure 5d).  For 

reversible signaling, PEG-SpyTag was also dissolved in the PI solution and add ed to the 

hydrogel pr ecursor before crosslinking (Figure 5e). 
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Figure 5: Hydrog el fabrication m ethod.  (a) General hydrogel fabrication. (b) 

Hydrogel fabrication for cell adhesion . (c) Degradable h ydrogel fabric ation . (d) 

Hydrogel fabrication with acrylate -allyl comp etition. (e) Hydrogel fabrica tion for 

dynamic mo lecule b inding.    

 

3.1.4 Hydrogel mechanical evaluation  

Gels made 1 mm in height were swollen overnight in phosphate buffered saline (1× PBS, 

pH 7) at 37 °C, then rinsed with  PBS at room temperature. They were placed on the 

parallel plates of an RSA III microstra in analyzer  (TA Instruments,  New Castle, DE, 

USA) and compressed at room temperature at a strain rate of 0.003 mm/sec. From the 

resulting stress–strain curve, the slope of the linear region immediat ely fol lowin g the toe 

region (65–70% strain) was taken as the compressive modulus . 

 

3.2 Results 

3.2.1 PEGDA synthesis and characterization 

Acrylation of the 6 kDa PEG was evaluated via 1H-NMR  and the spectrum for 

the reacted PEGDA was plotted in Figure 6 using TopSpin 4.1.0 software (Bruker) .  The 

peak at ~3.6 ppm corresponds to the CH2CH 2O PEG backbone, while the 3 peaks at 5.8, 

6.2, and 6.4 ppm correspond to the CH=CH 2 acrylate endgroups.  The area under each 

peak was integrated, normali zed to the tetramethylsilane  peak at 0.0 ppm, and the estimated 

degree of acry late substitut ion was quantified to be greater than 85% using equation 1 [200]. 
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Equati on 1: Calculation f or percent acrylate substitution  [200]. 

 

 

Figure 6: 1H-NMR spectrum for synthesized 6 kDa PEGDA.   Peaks labeled ɁÈɂɯ

correspond to the CH=CH 2 acrylate endgroups and the peak labeled ɁÉɂɯÊÖÙÙÌÚ×ÖÕËÚɯ

to the CH 2CH 2O PEG backbone. 

 

3.2.2 PEG-peptide conjugation and characterization 

PEG-peptide conjugation was evaluated via GPC, where conjugated polymers 

and unreacted Acryl -PEG-SVA were dissolved in dimethylformamide + 0.1% 

ammonium acetate and evaluated side-by-side to compare species sizes.  Representative 
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graphs of GPC retention time  for PEG-RGDS and PEG-PQ-PEG samples are shown in 

Figure 7a and Figure 7b, respectively.  For both samples, the peptide-conjugated 

polymer sample is red and the unreacted Acryl -PEG-SVA sample is black.   

 

 

Figure 7: GPC time retention graphs show efficient PEG-peptide conjugation .  (a) 

representative graph of c onjugated PEG-RGDS. (b) representative  graph of 

conjugated PEG-PQ-PEG. 

 

In both cases, the peptide-conjugated polymer is  larger than the unreacted 

polymer, and thus, elutes faster from the GPC column with a peak at an earlier 

timepoint .  Unreacted polymer species within the conjugated sample will correspond to 

a second peak centered under the black PEG-SVA peak.  Conjugation effic iency is 

quantifie d in equation 2: 
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Equation 2: Calculation f or percent peptide c onjugation  

 

For all peptide-conjugated polymers used in this work, conjugati on efficiency 

was greater than 85%. 

3.2.3 Hydrogel mechanical evaluation 

Upon compression testing, stress-strain curves were plotted.  The slope of the 

lin ear region immediately fol lowing the toe region (65–70% strain) was calculated as the 

compressive modulus. Stress-strain curves for 3.5% PEGDA hy drogels, 0:1 (control) and 

4:1 alloc to acrylate condit ions are shown in Figure 8. The hydrogels undergoing 

compression experience an elongated toe region before reaching the linear region. Thi s 

linear region, corresponding  to 65-70% strain, is outline d w ith a red box. The slope of 

this linear region was taken as the compressive modulus of each hydrogel.  Bar graphs 

for the average moduli for all samples are shown in chapters 4 and 5.  Samples were not 

evaluated if they broke before reaching the linear region of the graph. 
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Figure 8: Stress-strain curve s for 3.5% PEGDA hydrogels with 0:1 and 4:1 

alloc:acrylate.   The slope of the outlined re gion of each curve was evaluated as the 

hydr ogel compressive modulus.  
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4. Develop a method for modulating synthetic hydrogel 
stiffness to model soft tissue via competitive 
crosslinking mechanics 

4.1 Introduction 

Cell behavior and phenotype are largely influenced by interactions wi th their 

local environment. It has been well established that cells receive signals from 

biochemical factors in their environment such as extracellular proteins and adhesive 

ligands. In more recent years, cells were also shown to sense and respond to the stiffn ess 

of their environment [8, 201-203]. As cells spread and migrate, they generate contractile 

forces through contact with their surroundings. The stiffness of the local environment 

determines the magnitude of the tension created, which subsequently influences cell 

cytoskeletal arrangement and signal pathway activation, and thus downstream cell 

activity [155, 156, 204]. Cell viability, adhesion, spreading, and migration ar e all 

influenc ed by matrix stiffness [157, 205]. Resultantly, stem cells diff erentiate down cell 

lineages corresponding to the tissue type that matches their substrate in stiffness [8]. As 

discussed in chapter 2, environmental stiffness of tissue culture systems for both 

investigative  and therapeutic applications can greatly imp act the activity and fate of 

cultured cells. It has been thoroughly demonstrated in the literature that matrix stiffness 

is particularly influential in systems supporting culture of cells from espec ially  soft 

ti ssues such as neural cells. Neural cells demonstrate increased neurite extension in 

softer environ ments [120, 173, 174], and neural stem and progenitor cells favor 
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neurogenesis over astrogenesis on most compliant substrates at stiffnesses of 100–1000 

Pa, generally optim ized around 500 Pa [167, 175-177]. Even cells with greater 

pluripotency such as mesenchymal stem cells (MSCs), embryonic stem cells, and 

induced pl uripo tent stem cells all favor neuronal differentiat ion when culture d on 

substrates ≤1 kPa modulus [8, 158, 159].  Therefore, successful design of platforms to 

model soft tissue interactions necessitates a mechanism for controlling modulus within 

the natural stiffness regime of these tissues (0.1–1 kPa) [6, 7]. 

Many different hydrogel culture platforms exist, fabricated from both naturally -

derived and synthetic polym ers. Naturally -derived polymers such as collagen, fibrin, 

and hyal uronan have been frequently implemented in matrices for  soft tissue 

engineering [75, 206-209] and show some success in supporting neural cell culture, as 

they are able to form highly compliant hydrogels that accurately recapitul ate soft tissue 

stiffness and are inherently cell -interactive.  As discussed in more detail in chapter 2, 

natural polymers are good models of the tissue environment as they are bioactive and 

cell adhesive without modification ; however, this presentation of bioactivity affords 

little tunability or control , and variability exists between material batches [48]. 

Furthermore, mechanical and biochemical properties are inherently li nked and cannot 

be decoupled to investigate independently [48, 89]. Thus, naturally derived polymers do 

not provide a highly c ontroll ed and well -characterized environment for soft tissue 

cultur e.  
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Alternatively, synt hetic polymers provide a material that all ows repeatable 

control of material properties  and is customizable but requires modifications and 

tailoring to  model the cells’ natural environment. Poly(acrylamide) [5, 8, 159, 177, 210, 

211] and poly(ethylene glycol) (PEG) [120, 162, 207] are commonly implemented in 

platforms for s oft tissue cell culture.  

PEG is a particularly advantageous polymer f or modeling a broad range of tissue 

environments: due to its hydrophilic structure and flexible backbone, PEG resists non-

specific protein adsorption, which prevents uncontrolled intera ctions with cells. This 

makes PEG a bioinert “blank slate” that can be engineered as desired to to have specific 

controlled interactions with cells.  When PEG chain ends are functionalized with acrylate 

groups to create PEGDA (PEG-diacrylate), free radical-mediated crosslinki ng at chain 

ends creates a covalently linked network that forms a hydrogel [144]. Biomolecules 

conjugated to monoacrylate-PEG can be grafted into the network at desired densities, 

independent of other material properties. Hydrogel m echanical modulus is instead 

tuned by altering the PEG molecular weight or polymer density. This decoupled control 

over biochemical and mechanical hydrogel properti es allows for independent 

investigation of the influ ence of each of these parameters on cell behavior [89].  

Due to the customizability  of this system, PEG-based hydrogels have been 

designed to model many different tissue environments. Functionalized PEGDA 

hydrogels have formed the foundation for investigation o f a range of cell behaviors such 
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as the role of macrophages in angiogenesis, tumor cell interactions, and the influence of 

different adhesive ligands on vasculature formation [106, 212, 213]. Whil e current 

methods for manipulating PEG  hyd rogel stiffness, altering polymer density or 

crosslinking density,  have proven appropriate  for many tissue applications, they are 

limited in applicability for soft tissue modeling. Hydrogels are unable to form belo w a 

minimum polymer density due to the critical micelle concentration cutoff. At this 

mini mum density, PEGDA hydrogels still have a modulus of greater than 1 kPa which is 

outside the stiffness range of healthy neural tissue [89].  As PEGDA can rarely form 

stable hydrogels within a neural stiffness range, there is a great need for a mechanism 

independent of polymer den sity for tuning PEG-based hydrogel compliance to that of 

the soft tissue regime for neural tissue engineering applications.  Methods of PEGDA 

hydrogel stiffness modulation independent of polymer density  or crosslinking density  

are scarce, though we have recently demonstrated a novel method for decreasing 

PEGDA hyd rogel compressive stiffness to with in the neural regime by  altering vinyl 

crosslinking dynamics  during hydrogel  formation [89]. 

In an aqueous PEGDA hydrogel precursor solutio n, highly flexible hyd rophili c 

PEG chain backbones with hydrophobic acrylate chain ends arrange into micelles wi th 

the acrylate groups forming clusters.  Here, photoinitiated free radicals attack the 

acrylate double bonds and are propagated between adjacent vinyl chain ends to f orm a 

crosslinked node. In this system, the acrylate endgroups highly favor fr ee radical 
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propagation, (acrylates are easily attacked by free radical and pass it on due to the 

instability of their struc ture) resulting in highly efficient crosslinkin g [46] (Figure 9a). 

Alternative crosslinking node  dynamics are possible and may be implemented to alter 

matr ix mechanical properties. Different vinyl groups vary in efficiencies of radical 

propagation based on their chemical structures. In contrast to acrylate groups, allyl vinyl 

groups have an ability t o self-stabilize after being  attacked by the radical and do not 

propagate the free radical as readily. This allyl polymerization behavior, known as 

degradative monomer chain transfer, leads to statisti cally higher rates of termination 

and lower molecular w eight poly mers [214-216] than those with acrylate end groups 

(Figure 9b). Therefore, replacing or supplementing acrylate endgroup s with allyl vinyl 

group s withi n a PEGDA hydrogel would theoretically result in fewer chains at the 

crosslinked nodes due to early termination, r esulting in a matrix with weaker 

crosslinking sites and a decrease in bulk stiffness.  
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Figure 9: Vinyl poly merization crosslinkin g behaviors.  (a) Addition polymerization 

reaction  of acrylate groups (characteristic of crosslinki ng in  PEGDA hydrogels ) shows 

high propagation. (b) Addition of allyl group contri butes to premature termination of 

acrylate addition polymer izatio n 

 

To accomplish this, Schweller and West incorporated a short sidechain 

terminated in a competitive allyl -presenting group known as allyloxycarbonyl, or alloc , 

for short, onto a site on the PEGDA polymer backbone.  This result ed in a dramatic 

decrease in hydrogel compressive modulus from 15.63 ± 3.72 kPa to 0.66 ± 0.52 kPa 

without impacting gelation, hydro gel dif fusiv e properties, or tethered biochemical 

signal density [89].  However, the level of control over mechanical properties for this 

system still leaves room for improv ement: as the alloc group in th is system is presented 

as a side chain on a degradable peptide conjugated into each PEGDA backbone, the 

allyl:acrylate molar rat io is fixed at 1:2 and cannot be adjusted to precisely tune hydrogel 
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stiffness within soft tissue  regimes. Further, this technology requires specialized 

synthesis and is not easily applied to other acrylate  crosslinking systems or modified to 

present different efficiencies of allyl competition.  

It would be beneficial to harness the competitive mechanism of alloc for reducin g 

hydro gel stiffness with more facile tunability ov er a range of stiffnesses and without 

indi vi dual polymer syntheses needed for each conditio n. Here, we developed a novel 

system to exert greater control over PEGDA-based hydrogel mechanical properties by 

soluble implementation of all yl -presenting competiti ve crosslinking monomers into the 

polym er mix before gelation. This allows tuning of  hydrog el mechanical modulus 

within soft tissue stiffness range by changing allyl:acrylate molar ratio via allyl 

monomer concentration or allyl monomer structure.  

In this chapter, we reduced PEGDA hydrogel stiff ness by adding soluble alloc 

monomers in a dose-dependent manner to within neural tissue range without 

influencing gelatio n or biochemical density. Mult iple allyl -presenting competitive 

monomers were tested, with monomer structure determining effectiv eness of allyl 

competition. This mechanism was shown to be allyl -specific, as acrylate monomers did 

not reduce hydrogel stiffness. We then implemen ted this material system for soft tissue 

culture, with improved neural cell neurite outgrowth on the softest matri ces synthesized 

with a high concentration of soluble alloc. 

 



 

50 

4.2 Materials and Methods 

4.2.1 Material fabrication and characterization 

PEGDA and PEG-RGDS were synthesized as described in section 3.2.1.  PEGDA 

hydrogels were fabricated at 3.5%, 3%, and 2.5% weight/volume for m echanical testing.  

For comparison of mechanical properties, PEGDA hydrogels were also made with 

competit ive monomers.  All PEGDA hydrog els incorporating competitive monomers 

were fabricated at 3.5% weight/vo lume.  Competit ive monomers tested were: H-

Lys(alloc)-OH (abbreviated as alloc), 2-methyl -3-buten-2-ol, methyl -3-butenoate, 3-

butenoic acid, and 2-carboxyethyl acrylate (all from Sigma, St. Louis, MO, USA). 2-

carboxyethyl acrylate is stored with 900–1100 ppm polymerizati on inhib itor 

monomethyl ether hyd roquinone (MEHQ). Thus, i t was first mixed with anhydrous 

hexane (Sigma, St. Louis, MO, USA) at 2 g 2-carboxyethyl acrylate per 50 mL hexane and 

stirred on ice for 2 h. The MEHQ dissolved in hexane while the pure 2-carboxyethy l 

acrylate remained separated from the n -hexane in a distinct phase and was collected.  

For each soluble vinyl monomer, gels were fabricated with vinyl to acrylate mo lar ratios 

of 0:1, 1:1, 2:1, 3:1, and 4:1 for mechanical testing. Four hydrogels were tested per group. 

4.2.2 Biomolecule Density Evaluation 

3.5% w/v PEGDA h ydrogels were made with 3.5 mM PEG-RGDS with and 

withou t 10.75 mg/mL H-Lys(alloc)-OH, corresponding  to 4:1 allyl:acrylate molar ratio. 

In addition, 7.5 uM of the 3.5 mM PEG-RGDS was tagged with Alexaflu or488 
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(Thermofisher, Waltham, MA, USA). Hy drogels were allowed to swell in 1× PBS for 3 h, 

then PBS was exchanged 3×. Images of each hydrogel (n = 3 hydrogels per condition) 

were taken at 480 nm excitation/535 nm emission wit h a Zeiss Axiovert 135 

epifl uorescence microscope (Zeiss, Oberkochen, Germany) (5× CP-Achromat objective, 

NA: 0.12). Three circular regions of interest (ROIs) were randomly selected from each 

image and were evaluated for average pixel intensity. Background fluorescence was 

subtracted using the intensity  values from a control hy drogel with no PEG-RGDS-A488. 

4.2.3 Cell Culture 

NIH 3T3 fibroblast s were cultured in Dulbecco’s Modified Eagle’s Medi um, High 

Glucose (Sigma, St. Louis, MO, USA) with 10% v/v bovine calf serum (BCS, Sigma, St. 

Louis, MO, USA) and 100 U/mL penicillin, 0.1 mg/mL streptomycin, 0.92 mg/mL L-

glutamine (GPS). Human umbilical v ein endothelial cells (HUVECs, pooled donors, 

Lonza, Basel, Switzerland) were cultured in Endothelial Cell Growt h Medium 2 

(Promocell,  Heid elberg, Germany) and 100 U/mL penicillin, 0.1 mg/m L streptomycin, 

0.92 mg/mL L-glutamine (GPS, Corning, Tewksbury, MA , USA). HUVECs were used at 

passage 6 for cytotoxicity testing. “PC-12 cells (ATCC CRL-1721, ATCC, Manassas, VA, 

USA) were cultured  and expanded in suspension culture in complete growth med ia 

(RPMI 1640 ATCC modification, Thermofisher, Waltham, MA, USA) su pplemented wi th 

10% v/v fetal bovine serum (FBS, R&D Systems, Minneapolis, MN, USA), 5% v/v heat 

inactivated hor se serum (HIHS, Sigma, St. Louis, MO, USA), 100 u/mL penicillin, 0.1 
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mg/mL st repomycin (P/S, VWR Lifescience, Radnor, PA, USA), and 0.1% v/v bovine 

serum albumin (BSA, Sigma, St. Louis, MO, USA). Before seeding on hydrogels, cells 

were stimulated for 48 h in neural different iation media (RPMI  1640, ATCC modification 

(ThermoFisher, Waltham, MA,  USA) +1% FBS + 0.5% HIHS + 100 U/mL penicillin, 0.1 

mg/mL strepomyc in (P/S) + 0.1% BSA + 100 ng/mL nerve growth factor 2.5S (Promega, 

Madison, WI, USA)).  After seeding, cells were maintained in neural differentiation 

media. All cells were mai ntained at 37 °C with 5% CO2. 

4.2.4 System Cell Compatibility 

3.5% w/v PEGDA hyd rogels with 3.5 mM PEG-RGDS with and w ithout 10.75 

mg/mL H -Lys(alloc)-OH, corresponding to 4:1 ally l:acrylate, were photocrosslinke d and 

allowed to swell in media overnight at 37 °C. Hydro gels were then rinsed with media, 

and NIH 3T3 cells and HUVECs were passaged and seeded on hydrogels at 5000 

cells/cm2. At 72 h, the cells were tested for viability using a Live/Dead cytotoxicit y assay 

(ThermoFisher, Waltham, MA, USA): cell med ia was removed and replaced with 1× PBS 

containing 4 µM ethidium ho modimer (EthD -1) and 24 µM calcein AM. The hydr ogels 

were incubated in this solution for 15 min at 37 °C. Then, the cells were imaged with a 

Ziess Ax iovert 135 epifluorescence microscope at 480 nm excitation/535 nm emission for 

calcein AM and 560 nm excitation/645 nm emission for EthD -1 (5× CP-Achromat 

objective, NA: 0.12). 4 fields of view were taken of each hydrogel and all live (gr een) and 
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dead (red) cells were quantified using ImageJ (National Insti tutes of Health, Bethesda, 

MD, USA) (>2400 cells per condition). The  percentage of live cells was calculated. 

4.2.5 Fibroblast Cell Behavior in response to hydrogel stiffness 

PEGDA hydro gels with 3.5 mM  PEG-RGDS were made as described above. 

Polymer concentration and alloc competition were varied to manipulate the hydrog el 

mechanical properties. Hydroge ls were made at 10% PEGDA (42 kPa), 3.5% PEGDA (5.1 

kPa), and 3.5% PEGDA + 4:1 alloc (10.75 mg/mL H -Lys-alloc-OH, 0.32 kPa) Hydrogels 

were allowed to swell in media overnight at 37 °C, then rinsed with media, and then 

NIH 3 T3 cells were passaged and seeded on hydrogels at 5000 cells/cm2. Phase images of 

cells were taken at 24 h after seeding at on a Zeiss Axiovert 135 microscope (20× Plan-

Neofluar objective, NA: 0.5). Images were analyzed in ImageJ, where each cell was 

traced and spread area was calculated. At  least 280 cells were counted per condition. 

4.2.6 Neural Cell Behavior in response to hydrogel stiffness 

PEGDA hydro gels with 9.6 mM PEG-RGDS were made as described above. 

Hydrogels were made at 3.5% PEGDA (5.1 kPa) and 3.5% PEGDA + 4:1 alloc (10.75 

mg/mL H-Lys-alloc-OH, 0.32 kPa). Hydrogels were crosslinked and allowed to swell in 

PC-12 neural diffe rentiation media overnight at 37 °C and rinsed with media. NGF-

stimulated PC-12 cells were passaged and seeded on hydrogels at 1000 cells/cm2. Neural 

differ entiati on media was exchanged every 48 h, and images were taken at day 7. Eleven 

fields of view  were taken from each hydrogel (n = 9 hydrogels per condi tion)  on a Zeiss 
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Axiovert 135 using phase contrast (10× Plan-Neofluar obj ective, NA: 0.3). All single cells 

(not in contact with other cells) were counted. The total percentage of cells displaying 

neurite s was quantified for  each hydrogel of each condition . A cell was defined as 

neurite (+) if it displayed a neurite greater tha n or equal to two cell diameter s in length. 

(Neurites were traced using ImageJ software: the freehand l ine drawing too l + measure 

function were used to determine the length of the longest neurite from each cell. For 

more complex branching morphologies, the  semi-automatic tracing segmentation plugin 

Simple Neurite Tracer (National Institutes of Health, B ethesda, MD, USA) was 

imple mented w ith default settings [217]). 

4.2.7 Statistical Analysis 

All stati sti cal analyses were performed with JMP Pro 13 software (SAS Institu te, 

Cary, NC, USA). Data sets were analyzed using a student’s t-test for comparisons 

between two groups and analysis of variance (ANOVA) followed by a Tukey’s Honest 

Significant Difference (HSD) post-hoc test to compare across multiple groups. For all 

tests, p-values less than 0.05 are considered signifi cant. All data values are reported as 

mean ± standard deviation. Fibroblast spreading distributions were ana lyzed w ith 

pairwise nonparametr ic Kolm ogorov–Smirnov asymptotic tests with a significance 

threshold  of p < 0.0167 (Bonferroni -corrected for the three pairwise tests). 
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4.3 Results 

4.3.1 Hydrogel Fabrication 

Here, we constructed PEGDA-based gels with stiffness from 5.1 ± 0.48 kPa to 0.32 

± 0.09 kPa by implementing a competitive monomer that inter feres wi th acrylate 

crosslinki ng to reduce the stiffness of the overall hydrogel network structure without 

preventing gel formation. Before crosslinking PEGDA gels by exposing them to white 

light,  a soluble H-Lys(alloc)-OH monomer was mixed into the aqueous gel precursor 

solution at  di fferent concentrations corresponding to alloc group to acrylate group molar 

ratios of 0:1, 1:1, 2:1, 3:1, and 4:1. Stable gels formed for all of these conditions. 

 

4.3.2 PEG-Based Gel Modulus Controlled by H-Lys(alloc)-OH 
Concentration 

PEGDA hydrogel m echanical properties were analyzed via static compression 

testing to evaluate the effects of including soluble H -Lys(alloc)-OH on the material 

modulus. For all gel condi tions, PEGDA concentration was kept constant at 3.5% w/v , 

wh ile H -Lys(alloc)-OH concentration was varied to achieve increasing molar ratios of 

allyl to acrylate. It was found that the addition of H -Lys(alloc)-OH reduced gel stiffness. 

The 3.5% w/v PEGDA control condition gels had an average modulus of 5.1 ± 

0.48 kPa, which was decreased by addi ng soluble H-Lys(alloc)-OH to the gel precursor 

mixture (Figure 10a). With increasing alloc:acrylate, the gel compressive modulus was 
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decreased in a concentration-dependent manner, with a compressive modulus of 0.92 ± 

0.06 kPa at 3:1 all oc:acrylate (8.06 mg/mL H -Lys(alloc)-OH) and of 0.32 ± 0.09 kPa at 4:1 

alloc:acrylate (10.75 mg/mL H-Lys(alloc)-OH), both within the range of neural tissue  

stiffn ess. The compressive modulu s of 0.32 ± 0.09 kPa at 4:1 alloc:acrylate is a 93.7% 

reduction from the control condit ion.  In comparison, polym er density manipulation, a 

commonly used method of controlling polymer hydrogel mechanical properties, was 

implemented to determine the lowest modulus achievable by this method (Figure 10b). 

From 5.1 ± 0.48 kPa at 3.5% w/v, gel modulus was reduced in direct correlation to 

polymer density (2.6 ± 0.36 kPa at 3% and 1.2 ± 0.22 kPa at 2.5% w/v). Unlike the low 

stiffnesses achieved with H -Lys(alloc)-OH, 1.2 ± 0.22 kPa (exhibited by 2.5% gels) was 

the lowest compressive modulus achieved in PEGDA gels manipulated by decreasing 

polymer density. Below this polymer density, gels that formed were classified as 

unstable and broke before the evaluated strain region during testing, signified by α. 
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Figure 10: Hydrogel compressive moduli in  response to H-Lys(alloc) -OH 

implementation and decreasing polymer density.    Compressive modulus = slope of 

the stressɬstrain curve in the linear regi on following t he toe region. Values reported 

as mean ± S.D. n = 4. * p < 0.05, ** p < 0.001, *** p < 0.0001, indicati ng a statistically 

significant difference. Statistical analysis evaluated by one -way ANOVA fo llowed by  

TukeyɬKramer HSD tests. n.d. indicates nÖɯËÈÛÈȮɯϔȯɯÎÌÓÚɯÉÙÖÒÌɯÉÌÍÖÙÌɯÌÝÈÓÜÈÛÌËɯÚÛÙÈÐÕɯ

region. (a) gel modulus reduced by increasing H -Lys(alloc) -OH concentration, 

neuronal stiffness achieved at highest monomer concentrations; ( b) reducing polymer 

density decreases compressive modulus but does not reach neural tissue compliance.  

 

4.3.3 Influence on Modulus Is Dependent on Allyl-Containing 
Monomer Structure 

As Lys(alloc)-OH content controls gel mechanics via allyl -acrylate crosslinking 

competition, we tested whether this effect can be achieved wit h other allyl -presenting 

molecules, finding that this is possible with multiple monomers. Here, we demonstrated 

the effect on PEGDA hydrogel modulus of a range of concentrations of three different 

monomers possessing available allyl groups. Mon omers tested were 2-methyl -3-buten-2-

ol, methyl 3-butenoate, and 3-butenoic acid, which all contain allyl groups, but differ in 
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structure and water solubility, as shown in Figure 11a. While gel stiffness decreased in 

response to increasing monomer concentration in a stepwise fashion for all three tested, 

competition efficiency and resultant effect on modulus were influenced by water 

solubility of the competitive monomer. For each concentration tested, 3-butenoic acid, 

which has the most polar of the 3 structures, caused the greatest reduction in gel 

modulus, followed by methyl 3 -butenoate, then 2-methyl -3-buten-2-ol (Figure 11b).  An 

average modulus of below 1 kPa was reached via implementation of each of the three 

monomers, with fu rther modification to below 0 .5 kPa possible with 2 -methyl -3-buten-2-

ol and methyl 3 -butenoate. 

 

Figure 11: PEGDA modulus can be controlled by multiple allyl -containing monomers .  

Increasing monom er polarity and monomer concentra tion both decrease hydrogel 

stiffness . (a) allyl -presenting monomer chemical structures; (b) compressive moduli of 

hydrogels. Comp ressive modulus = slope of the stressɬstrain curve in the linear 

region following the toe region. Values reported as mean ± S.D. n = 4. * p < 0.05, ** p < 
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0.001, in dicating a statistically significant difference. statistical analysis evaluated by 

one-way ANOVA followed by Tukey ɬKramer HSD tests. n.d. indicate ÚɯÕÖɯËÈÛÈȮɯϔȯɯ

ÎÌÓÚɯÉÙÖÒÌɯÉÌÍÖÙÌɯÌÝÈÓÜÈÛÌËɯÚÛÙÈÐÕɯÙÌÎÐÖÕȮɯϕȯɯÎÌÓÚɯËÐËɯÕot form.  

 

4.3.4 Influence on Modulus Is Specific to Allyl-Presenting Monomers 

To determine if the influence on gel stiffness was limited to allyl -presenting 

monomers, the effect of 3-butenoic acid (significant reduction in gel modulus, (Figure 

11b) was compared to that of 2-carboxyethyl acrylate, which has a matching structure to 

3-butenoic acid except for the allyl group is replaced with an acrylate group (Figure 12a). 

It is known that acryl ate groups have a higher tendency than allyls to propagate free 

radicals during polymerization because allyl groups have a greater likelihood to 

terminate the radical [89, 214-216]; hence, this study served to investigate whether the 

competition was due to spatial/physical interference by any soluble monomers or due to 

the proposed mechanism of the monomer vinyl group influencing radical propagation 

(Figure 9b). In contrast to the effect of 3-butenoic acid, 2-carboxyethyl acrylate was 

shown to instead cause slight increases in modulus at all molar ratio conditions in 

comparison to the control condition (Figure 12b), suggesting that the competition 

mechanism is specific to allyl -presenting monomers. 
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Figure 12: Allyl -presenting and acrylate -presenting monomers have significantly 

different effects on hydrogel modulus. (a) chemical structures of monomers .  (b) 

compressive moduli of hyd rogels with 3 -butenoic acid and 2 -carboxyethyl acrylate.  

Compressive modulus =  slope of the stressɬstrain curve in  linear region following  toe 

region. Values reported as mean ± S.D. n = 4ɬ6, *** p < 0.0001, indicating a statistically 

significant difference . 2ÛÈÛÐÚÛÐÊÈÓɯÈÕÈÓàÚÐÚɯÌÝÈÓÜÈÛÌËɯÉàɯ2ÛÜËÌÕÛɀÚɯt-test. n.d. indicates 

ÕÖɯËÈÛÈȮɯϔȯɯÎÌÓÚɯÉÙÖÒÌɯÉÌÍÖÙÌɯÌÝÈÓÜÈÛÌËɯÚÛÙÈÐÕɯÙÌÎÐÖÕȮɯϕȯɯÎÌÓÚɯËÐËɯÕÖÛɯÍÖÙÔȭ 

 

4.3.5 Modulus Tuned Independently of Biomolecule Density 

To determine that this system retains the decoupled nature of gel stiffness and 

biomolecule density  (a key advantage of the PEG-based synthetic hydrogel system), we 

evaluated the effect of H-Lys(alloc)-OH inclusion on the quantity of PEG -RGDS 

incorporated into the gel network. Fluorescent PEG-RGDS-AlexaFluor 488 was included 

(7.5 µM) with PEGDA gel prec ursor wi th and without 10.75 mg/mL soluble H-

Lys(alloc)-OH, corresponding to 4:1 alloc:acrylate. When gels were crosslinked for 50 
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sec, the average fluorescence intensity (normalized to fluorescence of PEGDA gels with 

0 µM PEG-RGDS-488) did not significant ly diffe r between the alloc (7.7 × 105 ± 1.19 × 105 

a.u.) and control condition (7 .5 × 105 ± 0.88 × 105 a.u.) (p value = 0.82), indicating the same 

RGDS concentration for both conditi ons (Figure 13). 

 

Figure 13: Biomolecule density  with a nd wi thout H -Lys(alloc) -OH competing 

monomer are comparable.  Average fluorescence of gels at 488 nm, normalized to 

fluorescence of gels with 0 µM PEG -RGDS-Alexafluor 488. Values reported as mean ± 

S.D. n.s. indicates no signifi cance. p = 0.8176, statisti cal analysis evaluated by 

2ÛÜËÌÕÛɀÚɯt-test. n = 3 gels. 

 

4.3.6 H-Lys(alloc)-OH-Containing Materials Are Cytocompatible 

Upon adding a new  monomer component to the hydrogel system, material 

cytocompatiblity was assessed. NIH 3T3 fibroblasts seeded on 0.32 ± 0.09 Pa gels 
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fabricated with 4:1 alloc:acrylate (10.75 mg/mL H-Lys(alloc)-OH) exhibited 99.2 ± 0.42% 

72 h after seeding, as determined from quantification of Live/Dead staining (Figure 14a). 

This did not differ significantly from the 93.65 ± 9.57% average vi ability of 3T3s seeded 

on the PEGDA control gels at the same timepoint (p-value = 0.35). HUVECS seeded on 

gels of the same conditions demonstrated similar high viability across both conditions, 

with 90.5 ± 6.77% viability on control gels and 92.09 ± 3.65% viability on alloc gels ( p-

value = 0.74). Figure 14b shows representative Live/Dead staining images of each 

condition.  

 

Figure 14: Addition of H -Lys(alloc) -OH does not significantly reduce cell viability.   (a) 

percentage of  li ve cells at 72 h after seeding. Values reported as mean ± S.D. n = 4. n.s. 

indicates no significant difference. 3T3: p = 0.35, HU VEC: p = 0.74. Statistical analysis 

ÌÝÈÓÜÈÛÌËɯÉàɯ2ÛÜËÌÕÛɀÚɯt-test; (b) Live/Dead images at 72 h after seeding. Scale bar = 

100 µm. 
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4.3.7 Fibroblast Spreading Reduced with Decreasing Gel Stiffness, 
Further Decreased on Softest Alloc Gels 

Fibroblasts are known to exhibit greater spreading and migration on stiffer 

substrates and reduced spreading in soft tissue-like environments  [202]. Here, alloc-

acrylate competition was implemented to increase PEGDA-PEG-RGDS gel compliance, 

which resulted in decreased fibroblast spreading. The 3T3 fibroblasts exhibited the 

highest displayed average spread area per cell of 901.72 ± 153.19 µm2 after 24 h when 

seeded on 10% w/v PEGDA gels with a compressive modulus of 42 ± 3.17 kPa—within 

the range of immature bone tissue stiffness [218]. Cells seeded on control gels at 5.1 ± 

0.48 kPa showed a significantly lower average spread area of 637.02 ± 108.27 µm2. Cells 

seeded on 0.32 ± 0.09 Pa gels with 4:1 alloc demonstrated an average cell spread area of 

401.28 ± 53.33 µm2, a 37% reduction in average spread area from the control condition 

and a 55.5% reduction from the 10% PEGDA condition (Figure 15a). The binned 

distri but ions of cell spread areas, shown in Figure 15b along with repre sentative phase 

images of cells seeded on each gel condition, were found to be significantly different 

from one another by pairwise Kolmogorov –Smirnov tests. 



 

64 

 

Figure 15: Fibroblast spreading is directly related to hy drogel stiffne ss.  (a) average 

cell area at 24 h after seeding. Values reported as mean ± S.D. ** p < 0.001, *** p < 

0.0001, indicating a statistically significant difference. Statistical analysis evalua ted by 

one-way ANOVA followed by Tukey ɬKramer HSD tests. n = 11 gels, >18 cells 

counted per gel; (b) distributions of cell spread areas 24 h after seeding. * p < 0.0167, ** 
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p < 0.001, *** p < 0.0001, indicating a statistically significant difference betwee n all 

distributions as evaluated by pairwise Kolmogorov ɬSmirnov asymptotic tests with 

Bonferroni correction. Average cell area at 24 h after seeding. Insets: representative 

images of cell for each condition. Scale bar = 20 µm.  

 

4.3.8 Most Compliant H-Lys(alloc)-OH Gels Support Neurite 
Outgrowth 

Neural cells favor neurogenesis and neurite extension on very soft substrates, 

below 1 kPa modulus [167, 174-177].  In this study, PC-12 neuronal cells seeded on 

PEGDA-PEG-RGDS gels demonstrated significantly increased neurite extension in 

response to decreased gel modulus. An average of 25.14 ± 9.20% of cells per gel cultured 

on 5.1 ± 0.48 kPa control gels extended neurites greater than 2× the length of cell body at 

7 days after seeding. Gels incorporating alloc to present a 0.32 ± 0.09 kPa substrate to PC-

12 cells resulted in 35.51 ± 8.18% of cells extending neurites at Day 7, a 41% increase 

from the control condition (Figure 16a). Figure 16b shows representative neurit es on 0.32 

± 0.09 kPa hydrogels; white arrowheads indicate neurites. 
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Figure 16: Neurite outgrowth is increased on softest hydrogels.    (a) PC-12 neurite 

outgrowth as  a function of gel modulus. Neurite (+) cell = has at least one neurit Ìɯȁ 2× 

the cell body diameter. Data shown as mean ± S.D. * p < 0.05, indicating a statistically 

signÐÍÐÊÈÕÛɯËÐÍÍÌÙÌÕÊÌȭɯ2ÛÈÛÐÚÛÐÊÈÓɯÈÕÈÓàÚÐÚɯÌÝÈÓÜÈÛÌËɯÉàɯ2ÛÜËÌÕÛɀÚɯt-test, n = 9 gels; (b) 

PC-12 cells on 0.32 ± 0.09 kPa gels at day 7. Arrowheads indicate neuri tes. Scale bar = 

100 µm. 

 

4.4 Discussion and conclusions 

Creating cell culture platforms for investigation of soft tissue cell behavior, such as 

neural cell behavior, in response to environmental cue s will significantly contribute to 

progress in developing tissue engineered constructs for directing therapeutic 

regeneration. To most accurately model the natural soft tissue environment, cell culture 

matrices must match the mechanical properties of in vivo soft tissue. Current systems for 



 

67 

neural cell cultur e that match the mechanical stiffness of the brain are mainly limited  to 

naturally -derived polymer matrices such as collagen and fibrin gels [75, 206-209]. These 

typ es of materials present a myriad of biological signals that vary between batches and 

cannot be uncoupled from polymer density (and thus mechanical properties), which can 

confound findings. To fully parse apart the influence of all environme ntal signals, both 

individually and in concert, the ideal cell cul tur e matrix  is not just highly compliant, but 

also a reproducible system with independent control over biological and mechanical 

properties. 

Synthetic PEG-based hydrogels, while providing gr eater control over each material 

property, are less mechanically appr opri ate for neural cell culture because they 

generally cannot form crosslinked gels at low enough stiffnesses to accurately model soft 

tissue [89]. The objective of this study was to expand customizable synthetic PEG-based 

hydrogel platforms to soft tissue cultur e applications by implementing a method of 

independently and tight ly controll ing material stiffness to within the soft tissue range 

without influencing biochemical signaling.  

Here, we demonstrated the ability to control PEG -based hydrogel stiffness down to 

0.32 ± 0.09 kPa compressive modulus by including H -Lys(alloc)-OH, a small, allyl -based 

monomer, in the hydrogel precursor solution. In PEGDA gelation, the acrylate 

endgroups polymerize to form crosslinked poly(acrylic acid) nodes connected by PEG 

backbones. While allyl -based monomers can participate in the addition  reactions, they 
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have a greater propensity to terminate rather than propagate the free radical reaction as 

compared to acrylate-based monomers, which is proposed to alter the connectivity of 

the network of crosslinking nodes [89, 214-216]. The concentration of monomers (and 

thus, soluble allyl to PEGDA acrylate molar ratio) was altered to finely control the 

stiffness of soft PEGDA-based gels even within the mod ulus range of neural tissue (0.92 

± 0.06 kPa at 3:1 alloc:acrylate and 0.32 ± 0.09 kPa at 4:1 alloc:acrylate).. This precise 

control, previously unachievable by conventional methods of PEGDA hydrogel stiffness 

manipulation, is pa rticularly advan tageous for investigating neural cell differentiation. 

Di fferences in tissue stiffness within the soft tissue regime can lead to diverging 

differentiation between astrogenesis and neurogenesis [175], and for therapeutic 

applications, a controlled ratio of neuron to astrocyte production is optimal for 

functional recovery.  

We propose that the soluble allyl monomers compete wit h the acrylate groups to 

participate  in crosslinking and cause early termination at crosslin king nodes, altering the 

hydrogel crosslinking mechanics. Our findings that incorporation of multiple different 

allyl -presenting monomers reduce PEGDA hydrogel stif fness, while including an  

acrylate-presenting monomer (with an  otherwise matching monomer  structure) 

increases hydrogel modulus and supports this proposed mechanism, indicating that the 

reductions in gel stiffness are caused by allyl-specific polymer ization competition.  
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We have previously shown that allyl -acrylate competition can be used to reduce 

PEGDA hydrogel stiffness, where the allyl group was presented as a side group on the 

PEG backbone [89]. By transitioning to soluble presentation of competitive allyl groups, 

our current study provides a facile approa ch to exert more precise control over hydrogel 

modulus within the stiffne ss regime of natural soft tissue. We show that the 

concentration of the allyl monomer can be adjusted to achieve different stiffnesses, and 

that different hydrophilic allyl monomers c an be switched in to adjust stiffness as well 

based on their structure.  The control and customization expand t he application 

potential for this technology in the field of soft tissue engineering.  

Because it does not control mechanical stiffness by altering poly mer density, this 

method softens the hydrogels without pr eventing network formation or influencing 

other material properties like diffusivity or immobilization of bioactive factors. In 

addition to forming self -supporting soft gels, this system retains independent tunability 

of stiffness and biochemical presentation. The concentration of fluorescent PEG-RGDS 

incorporated into the gel did not differ significantly between gels with and without 

alloc.  This allows us to explore the effect of mechanical properties via all yl -acrylate 

competition independent o f biomolecule density. 

Beyond showing that hydrogels conta ini ng Lys(alloc)-OH are cytocompatible and 

suitable for use as cell culture platforms, we demonstrated that cells seeded on these 

compliant m atrices demonstrated behavior representative of cells in soft-tissue like 
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environments. Here, fibroblast cells disp layed more rounded morphology on the softest 

hydrogels (highest alloc concentration) than those on stiffer PEGDA hydrogels, 

consistent with p revious studies of cell spreading on substrates modeling soft and stiff 

tissue environments [202]. By causing a stiffness-mediated decrease in fibroblast 

spreading, this system demonstrates that its potential as an appropriate model of s oft 

tissue environments. Furtherm ore, in many studies of neural cell and neural 

stem/progenitor cell behavior, neuronal differentiation and neurite outgrowth has been 

consistently shown to be increased on softer substrates and optim ized at stiffnesses 

matching that of in vivo neural tissue, in the range of 0.1–1 kPa [167, 174-177]. Here, we 

saw a significant increase in the number of neurite (+) PC-12 cells when the cells were 

seeded on the softest gels at 0.32 ± 0.09 kPa, indicating that, via addition of alloc into the 

gel mixture, we are able to create a system that can support neural cell culture and 

neurite outgrowth at sti ffnesses previously not possible with PEG-based gels. 

In this work, we demonstrated a method for reducing synthetic PEGDA 

hyd rogel stiffness to that of natural neural tissue while mai ntaining stable gel formation 

and independent control ov er material properties. Incorporating soluble, allyl -

presenting monomers in the hydrogel precursor solution results in allyl -acrylate 

competit ion that alters crosslinking mechanics to decrease hydrogel bulk stiffness. In 

addition, precise control over modu lus can be achieved by modulating the monomer 

concentration and using monomers with differing polarity. Gels made with H -
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Lys(alloc)-OH as the competitive monomer were shown to be cytocompatible and to  

support cell culture. When hydrogel modulus was tuned t o 0.32 ± 0.09 kPa compressive 

modulus, fibroblasts cultured on the h ydrogels demonstrated a decrease in cell 

spreading and neural PC-12s displayed an increase in neurite extension. These soft 

tissue-representative cell behaviors demonstrate the potential for this compliant 

hydrogel system to be used as a platform for investigating soft tissue cell behavior, and 

specifically neural cell behavior,  in a highly controlled environment towards developing 

regenerative tissue engineered constructs for soft tissue regeneration. 
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5. Translate hydrogel stiffness modulation method to 
physiologically relevant 3D cell culture system  

5.1 Introduction 

The next step in developing this soft tissue hydrogel system was to transition 

from a 2D to 3D culture system. Although 2D cell culture is generally simpler in 

practice, 3D cell culture provides a more accurate model of cells’ in vivo environments, 

and thus finding s may be more translatable to clinical application [48, 219].  

Cells in 2D culture have been shown to have flat morphology with integrin 

receptor engagement on the face of their membrane in contact with the  solid substrate.  

In contrast, the entire membrane surface of cells in 3D culture contacts their matrix 

surroundings, resulting in a different arrangement and engagement of cell surface 

receptors that can lead to differential cell signaling pa thways [220]. As integrin receptors 

can transduce mechanical information from the extr acellular environment  to the cell 

cytoskeleton, different distributions mechanical input across the cell membrane could 

affect cytoskeletal arrangement [221].  Accordingly , cells have been shown to respond to 

mechanical forces in different manners in 2D and 3D, suggesting dimensional effects on 

mechanotransduction [161, 220, 222].  This can have significant effects on soft tissue 

behaviors, such as neurite extension, that are related to cytoskeletal arrangement and 

rearrangement.  Further, soluble molecule signaling in 3D cultu re is influenced by 

diffusivity of molecules  through the culture matrix.  These factors indicate the need to 



 

73 

evaluate the effects of alloc-mediated hydrogel stiffness on soft tis sue cell behavior in a 

3D culture system.  

For cell spreading, migration , and interaction in 3D within a nanoporous 

hydrogel matrix, a mechanism of polymer network degradation must be included in the 

hydrogel design [137].  Different method s of achieving hydrogel degradation are 

described in detail in chapt er 2.   To achieve cell-mediated degradation, we conjugated 

acrylate-PEG-SVA to either end of matrix metalloproteinase -cleavable peptide 

GGGPQGIWGQGK (abbreviated PQ), to create acrylate-PEG-PQ-PEG-acrylate, or cell-

degradable PEGDA (henceforth called PEG-PQ-PEG).  PQ is a peptide sequences that is 

labile to matrix metalloproteases, specifically MMP2 and MMP9. This sequence, 

commonly used in 3D tissue engineered constructs, allowing for cel l-behavior-mediated 

degradation, is found in collagen and is degraded by matrix metalloproteinase 2 and 9, 

both of which are secreted by many cells including neural cells [145].  This addition 

alters the polymer material properties, mandating a new characterization of the acrylate-

allyl compet iti on method within this system and its influence on hydrogel mechanical 

and other material properties.  

As mentioned above, an additional co nsideration  when adding a new 

component such as allyl competition in 3D culture is matrix permeability, as diffusio n of 

nutrients and soluble bioactive factors into the gel significantly impacts cell behavior. 

Modulating mechanical properties via changing polymer density or crosslinking density 
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can result in changes in gel permeability and diffusive properties, which c an infl uence 

access to soluble proteins. Coupling stiffness with permeability prevents independent 

evaluation of the effects of mechanical properties and soluble signaling events on cell 

behavior [89]. 

Here we implement ed acrylate-allyl competition to synthesize cell -degradable 

PEG-PQ-PEG hydrogels for 3D cell culture that achieve soft t issue compliance 

unachievable by altering polymer density. We evaluated the relationship between the 

mechanical properties and diffusive  properties within the gel and the cytocompatibility 

of this system for cell encapsulation.  We then analyzed the effects of matrix stiffness on 

PC12 neural cell behavior in 3D culture within our hydrogels by modulating gel stiffness 

with soluble alloc and  quantifying resultant neurite outgrowth, demonstrating enhanc ed 

neurite outgrowth in the softest hydrogels made wit h alloc.  Finally, we employed this 

compliant degradable reductionist culture system as a soft tissue model for evaluating 

the effects of biochemical signaling on neural cell behavior.  PC12s were encapsulated in 

the softest hydrogels with varying conce ntrations of tethered cell adhesive peptide 

RGDS, and it was determined that RGDS confers inhibition of neurite outgrowth at 

when tethered at a high concentration in this system.  
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5.2 Materials and Methods 

5.2.1 Material Fabrication and Characterization 

Al l hydro gels for this section were fabricated with PEG-PQ-PEG (synthesis 

described in 3.2.1).  PEG-PQ-PEG hydrogels were fabricated at 4.5%, 4%, and 3% 

weight/volume for mechan ical testing (n=3).  For comparison of mechanical properties, 

PEG-PQ-PEG hydrogels were also made with competitive alloc at 0:1, 1:1, 2:1, 3:1, and 

4:1 alloc:acrylate molar ratios.  A ll PEG-PQ-PEG hydrogels incorporating al loc were 

fabricated at 4.5% weight/vo lume.  Mechanical testing was performed on alloc hydrogels 

(n=4-5). 

5.2.2 Protein diffusion studies 

To determine the effects of crosslinking-competition -mediated changes in 

hydr ogel mechanical properties on hydrogel permeability, 10 uL 4.5% PEG-PQ-PEG 

hyd rogels were fabricated at 0:1 (4.4 kPa), 3:1 (1.2 kPa), and 4:1 (0.26 kPa) alloc.  A ll 

hydrogels were swollen overnight at 4°C in 1 mg/mL soluble protein solutions. Proteins 

tested, Trypsin Inhibitor (20 kDa) and Carbo nic Anhydrase (29 kDa), bracket Nerve 

Growt h Factor (26 kDa), a key regulator of neuronal cell behavior (particular ly PC12s), 

in size. Then each gel was transferred into a new well with 500 uL PBS and incubated at 

37°C. At 6, 12, 30, 60, and 120 minutes and 24 hours, the gels were again transferred each 

time to new wel ls with PBS. The amount of protein released into the PBS sink at each 

timepoint was evaluated via BCA assay (with a standard control curve made with th e 
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protein being tested) and normalized to  the total protein diffused  over 24 hours to 

determine the rates of release from each gel.  6 gels were tested for each condition.  

5.2.3 Cell culture 

NIH 3T3 fibroblasts were cultured in Dulbecco’s Modified Eagle’s Medium, High 

Glucose (Sigma, St. Louis, MO, USA) with 10% v/v bovine calf serum (BCS, Sigma, St. 

Louis, MO, USA) and 100 U/mL penicillin, 0.1 mg/mL streptom ycin, 0.92 mg/mL L-

glutamine (GPS).  PC-12 cells (ATCC CRL-1721, ATCC, Manassas, VA, USA) were 

cultu red and expanded in suspension culture in  complete growth media (RPMI 1640 

ATCC modification, Ther mofisher, Waltham, MA, USA) s upplemented with 10% v/v 

fetal bovin e serum (FBS, R&D Systems, Minneapolis, MN, USA), 5% v/v heat inactivated 

horse serum (HIHS, Sigma, St. Louis, MO, USA), 100 u/mL penicill in, 0.1 mg/mL 

strepomycin (P/S, VWR Lifescience, Radnor, PA, USA), and 0.1% v/v bovine serum 

albumin (BSA, Sigma, St. Louis, MO, USA). Before encapsulation, cells were stimulated 

for 48 h in neural differentiati on media (RPMI 1640, ATCC modification (ThermoFisher, 

Waltham, MA, USA) +1% FBS + 0.5% HIHS + 100 U/mL pe nicillin, 0.1 mg/mL 

strepomycin (P/S) + 0.1% BSA + 100 ng/mL nerve growth factor 2.5S (Promega, Madison, 

WI, USA)). After encapsulation, cells were maintained in neural differentiation media.  

All  cells were maintained at 37 °C wi th 5% CO2. 
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5.2.4 Encapsulations 

Cells were passaged and counted using a hemocytom eter.  After determining cell 

density, cells were centrifuged again at 0.5 x G, then media was aspirated off and cells 

were resuspended at the desired density in hydrogel precursor and mixed gently but  

thoroughly.  Then hy drogels were fabricated as previou sly described in section 3.2.1.  

The polymers were covalently crosslinked into a network in whic h the cells were 

encapsulated in 3 dimensions. 

5.2.5 System Cytocompatibility 

3T3 fibroblasts were encapsulated at 2000 cells/uL in 4.5% w/v PEG-PQ-PEG + 

3.5 mM PEG-RGDS hydrogels at with no alloc (control condition at 4.4 kPa) and with 

alloc concentrations that corresponded to soft tissue stiffnesses (1:3 at 1.2 kPa and 1:4 at 

0.26 kPa), and Live/Dead staining and quantifi cation was performed 24 hr after 

encapsulation (n=5-6).  

5.2.6 PC12 behavior 

For evaluation of gel modulus on neural cell behavior in 3D culture, PC12s were 

encapsulated at low density (1000 cells/μL) within 4.5%  weight/volume PEG -PQ-PEG 

and 3.5 mM PEG-RGDS gels with different concentrations of alloc corresponding to 

compressive moduli of 4.4, 1.2, and 0.26 kPa (as well as a 3% PEG-PQ-PEG gel at 1.4 kPa 

for comparison). Neurite outgrowth was evaluat ed at different  timepoints (4 days, 7 

days, 14 days) by quantifying the percentage of neurite (+) cells. (Same neurite (+) 
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definition as section 4.2.6). At least 20 cells were quantified per gel for greater than 100 

cells per condition . All cells quantifie d were single cells (cell body not in contact with 

other cell bodies). Neurites were traced using ImageJ softw are with the semi-automatic 

tracing segmentation plugin Simple Neurite Tracer (National Institutes of Health, 

Bethesda, MD, USA) utilized with def ault settings and Hessian-based analysis [217].  

Neurite outgrowt h for day 14 samples was also evaluated by tracing and summing the 

lengths of all neurites for each cell and plotting the distribution of total neurite length 

per cell for al l conditions.  

The effect of modulating adhesive conditions within our softest gels  was tested 

next. PC12s were encapsulated within 0.26 kPa PEG-PQ-PEG hydrogels at 0, 1.75, 3.5, 

and 7 mM PEG-RGDS and neurite outgrowth was evaluated at day 7 as above. 

Finally, the influence of alloc on neurite outgrow th independent of hydro gel 

stiffness was evaluated by encapsulating PC12s in PEG-PQ-PEG hydrogels (withou t 

PEG-RGDS) wit hin  the same stiffness range with and without alloc (1.6 kPa at 2:1 

alloc:acrylate, 1.2 kPa at 3:1 alloc:acrylate, 1.4 kPa at 3% PEG-PQ-PEG without  alloc) and 

neurite outg rowth at day 7 was evaluated as above. 
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5.3 Results 

5.3.1 Material Fabrication and Characterization 

PEG-PQ-PEG hydr ogel mechanical properties were analyzed via static 

compression testing to evaluate the effects of including solub le H-Lys(alloc)-OH on the 

material modulus. For all gel conditions, PEG-PQ-PEG concentration was kept constant 

at 4.5% w/v , while H -Lys(alloc)-OH concentration was varied to achieve increasing 

molar ratios of allyl to acrylate. It w as found that the additi on of H-Lys(alloc)-OH 

reduced degradable hydrogel stiffness in a similar manner to PEGDA gels tested 

previously . 

The 4.5% w/v PEGDA control condition gels had an average modulus of 4.40 ± 

0.89 kPa, which was decreased by adding soluble H-Lys(alloc)-OH to t he gel precursor 

mixture (Figure 17a). With increasing alloc:acrylate molar ratio , the gel compressive 

modulus was  decreased in a concentration-dependent manner.  A compressive modulus 

of 0.26 ± 0.06 kPa was achieved at 4:1 alloc:acrylate (10.99 mg/mL H -Lys(alloc)-OH) , 

falling within the range of neural tissue stiffness. The compressive modulus of 0.26 ± 

0.06 kPa at 4:1 alloc:acrylate is a 94.1% reduction from the control condition.  In 

comparison, polymer density  manipulation was  again implemented to deter mine the 

lowest modulus achievable by this method (Figure 17b). From 4.40 ± 0.89 kPa at 4.5% 

w/v, gel modulus was r educed in direct correlation to polymer density (4.12 ± 0.24 kPa 
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at 4% and 1.39 ± 0.19 kPa at 3% w/v). Unlike the low stiffnesses achieved with H-

Lys(alloc)-OH, 1.39 ± 0.19 kPa (exhibited by 3% gels) was the lowest compressive 

modulus achieved in PEG-PQ-PEG gels manipulated by decreasing polymer density , 

falling just outside the range of neural tissue. 

 

Figure 17: Degradable hydrogel compressive moduli in response to H-Lys(alloc) -OH 

implementation and decreasing p oly mer density.    Compressive modulus = slope of 

the stressɬstrain curve in the linear regi on f oll owing t he toe region . Values reported 

as mean ± S.D. (a) gel modulus reduced by increasing H -Lys(alloc) -OH concentration, 

neuronal stiffness achieved at high est monomer concentrations . n = 4-5. * p < 0.05, ** p 

< 0.001, *** p < 0.0001, indicating a statist ically sig nifi cant difference. Statistical 

analysis evaluated  by one-way ANOVA fo llowed by  TukeyɬKramer HSD tests . (b) 

reducing polymer density decreases compressive modulus  but does not reach neural 

tissue compliance.  n = 3. ** p < 0.001, indicating a sta tistically  significant difference. 

Statistical analysis evalu ated by studentɀs t-test. 
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5.3.2 Protein diffusion not influenced by alloc-mediated stiffness 
modulation 

Protein diffusion behav ior was evaluated in 4.5% w/v PEG-PQ-PEG hydrogels 

fabri cated with no alloc (4.4 kPa), 3:1 alloc:acrylate (1.2 kPa) and 4:1 alloc:acrylate (0.26 

kPa) by placing hydrogels hy drated with 1 mg/mL pro tein solution in PBS sink 

conditions and measuring the percentage of protein diffused out a t set timepoints.  The 

di ffusion rate profiles for both prot eins (Figure 18a and 18b) were simila r between each 

hydrogel stiffness condition, wi th all 3 diffusion curv es following the same pattern: 

hydrogels of all 3 stiffness conditions showed rapid protein  diffusion at initial 

timepoi nts with  approximately 50-60% of protein diffused out at 6 min utes and 

approximately 90% of protein diffused out wit hin 1 hour.   At all given timepoints, the 

greatest difference between the percentage released from different st iffness conditions 

was 5.2% for tr ypsin inhibitor and 6.8% for carbonic anhydrase, neither of which are 

likely to correspo nd to a significant biological difference in signaling. 
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Figure 18: Decreasing PEG-PQ-PEG hyd rogel stiffness  by addition of H -Lys(alloc) -

OH do es not alter protein diffusion profiles .  (a) Percentage of 20 kDa protein Tryspin 

Inhibitor released at 6,  12, 30, 60, 90, and 120 minutes . (b) Percentage of 29 kDa protein 

Carbonic Anhydr ase released at 6, 12, 30, 60, 90, and 120 minutes.  All valu es are 

percentages of total protein relea sed over 24 hours.  Values reported as mean ± S.D. n 

= 6 hydrogels.  For both (a) and (b), protein  shows the same diffu sion pattern from  4.4 

kPa, 1,2 kPa, and 0.26 kPa hydrogels. 

 

5.3.3 Encapsulation with H-Lys(alloc)-OH for 3D cell culture is 
cytocompatible 

This 3D cell culture model requires cells to be mixed into the hyd rogel precursor 

in direct contact with the soluble alloc monomer before crosslinking into the hydr ogel 

network; thus, cell viability within this syste m was assessed first. 3T3 fibroblasts were 

encapsulated in 4.5% w/v PEG-PQ-PEG + 3.5 mM PEG-RGDS hydrogels wit h no alloc 

(control condition at 4.4 kPa), 3:1 alloc:acrylate (1.2 kPa) and 4:1 (0.26 kPa) and 

Live/Dead staining and quantification was performed  24 hr after encapsulation. It was 

found  that none of the alloc conditions significantly reduced fibroblas t viability (Figure 
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19a: cell viability was 94.81 +/- 3.03% in 0.26 kPa gels and 95.42% +/- 1.95% in 1.2 kPa 

hydrogels, neither of which varied signifi cantly from 96.64% +/- 1.2% in 4.4 kPa control 

gels (p-value = 0.44). Figure 19b shows representative Live/Dead staining images of each 

condition.   

 

Figure  19: Addition of H -Lys(alloc) -OH to degradable PEG-PQ-PEG hydrogels does 

not significantly reduce viability of encapsula ted cells.  (a) percentage of live cells at 

24 h after encapsulat ion . Values reported as mean ± S.D. n = 5-6 hydrogels. n.s. 

indicates no significant differenc e. p = 0.44. Statistical ana lysis evaluated by one-way 

ANOVA.  (b) Live/Dead images at 24 h after  seeding. Scale bars = 200 µm. 
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5.3.4 PC12 neurite outgrowth is enhanced in softest hydrogels 

PC12 neural cells were encapsulated in PEG-PQ-PEG + PEG-RGDS hydrogels 

with and wit hout soluble competitive  alloc to evaluate the influence of environmental 

stiffness on neural cell behavior in a 3D tissue culture model.  At all timepoints 

evaluated, neuri te outgrow th w as inversely related to hydrogel stiffness, and hydrogels 

fabricated with alloc supported gre ater and more accelerated neurite outg rowth than 

those without alloc .  At an early timepoint,  4 days after encapsulation, PC12s in soft 

hydrogels wit h alloc showed significantly greater neurite outgrowth than those without 

alloc: 25.99 ± 6.65% of cells in 0.26 kPa gels and 19.45 ± 10.47% of cells in 1.2 kPa 

extended neurit es at least twice the length of the cell bodies, as compared to 8.52 ± 5.97% 

neurite (+) cells in 1.4 kPa gels and 1.52 ± 2.62% neurite (+) cells in 4.4 kPa gels, 

indicating accelerated/earlier  neuri te extension (25.99 ± 6.65% is significant ly greater 

than 1.52 ± 2.62%, p < 0.05 by oneway ANOVA and Tukey ’s HSD.) (Figure 20a).  At day 

7, while neurite  growth increased from day 4 for all stiffness  conditions, the softest gels 

continued t o show higher nu mbers of neurite (+) cells by comparison.  Percentages of 

neurite (+) cells were 44.38 ± 2.56 % in 0.26 kPa hydrogels, 30.85 ± 3.41 % in 1.2 kPa gels, 

21.57 ± 3.920.9% in 1.4 kPa gels, and 10.94 ± 3.04% in 4.4 kPa hydrogels (Figure 20b).  A  

simila r trend w as observed at a later timepoint.  At 14 days after encapsulation, PC12s in 

0.26 kPa hydrogels showed striking neurite outgro wth of 64.99% ± 5.64% of neurite (+) 

cells, significantly greater than all other conditions (p<0.0001). This was a 993% increase 
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from cells in the 4.4 kPa control hydrogels wi thout alloc,  wh ich showed just 5.95 ± 4.47% 

neurite (+) cells, and a 191% increase from 1.4 kPa, the lowest stif fness achievable by 

decreasing polymer density wi thout competing mo nomers, where 23.32 ± 6.35% of cells 

were neurite (+).  1.2 kPa hydrogels made with 3:1 alloc:acrylate had 35.55 ± 8.68% 

neurite (+) cells. (Figure 20c).   

 

Figure 20: Neurite outgrowth is increased wi thin  softest  hydrogels  at all timepoints 

evaluated.    PC-12 neurite outgrowth is shown as a function of g el modulus. Neu rite 

(+) cell = has at least ÖÕÌɯÕÌÜÙÐÛÌɯȁɯƖǺɯÛÏÌɯÊÌÓÓɯÉÖËàɯËÐÈÔÌÛÌÙȭɯ(a) Percentage of neurite  

(+) cells at 4 days after encapsulation. (b) Percentage of neurite ( +) cells at 7 days after 

encapsulation.  (c) Percentage of neurite (+) cells at 14 days after encapsulation.   For all 

graphs, data is shown as mean ± S.D. p < 0.05, ** p < 0.001, *** p < 0.0001, indicating a 

statistically significant differe nce. Statistical  analysis evaluated by o ne-way ANOVA 

followed by  TukeyɬKram er HSD tests, n = 4-6 gelsȮɯȁƖƔɯÊÌÓÓÚɯÊÖÜÕÛÌËɯ×ÌÙɯÎÌÓ. 

 

Comparison of percentage neurite (+) cells across timepo ints also demonstrates 

an influence of stiffness on the timescale over which neurites extend .  At all conditions 

stiffer than 0.26 kPa, neurite outgrowth at day 14 was not significantly different  than 
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that at day 7 as evaluated by pairwise student’s t-tests for each time point  (Figure 21).  (p 

= 0.07 for 4.4 kPa gels, p = 0.84 for 1.4 kPa gels, p = 0.42 for 1.2 kPa) This suggests that the 

approximat e maximum percentage of cells extending  neurites was reached by day 7; 

however, in the softest gels, the percentage of neurite (+) cells increased from 44.38 ± 

2.56% at day 7 to 64.99% ± 5.64% at day 14, a 46.43% increase. 

 

Figure 21: Neurite outgrowth i ncrease over time continues within s oftest hydrogels 

through latest timepoint evaluated.  PC-12 neurite outgrowth within 4.4 kPa, 1.4 kPa, 

1.2 kPa, and 0.26 kPa hydrogels is shown at day 0, 4, 7, and 14 post-encapsulation.  

Data is shown as mean ± S.D. and statistical  comparison was made by  pair wise 

studentɀs t-tests between time point s within  each stiffness condition . ** p < 0.001 

indicate s a statistically significant differen ce between values at day 7 and day 14, 

while n.s. indicates no significant diffe rence in values between day 7 and day 14.         

n = 4-6 hydrogelsȮɯȁƖƔɯÊÌÓÓÚɯÊÖÜÕÛÌËɯ×ÌÙɯÎÌÓ. 
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In addition, the distribution of the sum of lengths of all neurites for each 

individual cell was quantified at day 14 for a more comprehensive picture of cell 

morphology .  The sum of neurite lengths for each cell was greater in the softer gels, 

showing a di stribution trending towards longer neurites within softer gels (Figure 22a). 

The distribution of neurites in the 0.26 kPa gels was significantly different tha n those in 

the 4.4 and 1.4 kPa gels, p < 0.0001 and from that in th e 1.2 kPa gels, p < 0.001 by 

pairwise Kolmogorov –Smirnov tests with Bonferroni correction  (of * p < 0.0083).  

Representative images of day 14 PC12s at each hydrogel stiffness stained with DAPI and 

Phalloidin are shown i n Figure 22b-22e. 

 

Figure 22: Neurite length distribution is influenced by hydrogel stiffness, with an 

inverse relationship between gel stiffness and neurite length.  (a) Distri butions of 

total neuri te length per cell for cells in 4.4 kPa, 1.4 kPa, 1.2 kPa, and 0.26 kPa 



 

88 

hydrogels.  Cells binned by neurite length in bins of 25 u m and graphed as a 

percentage of total cells for each condition . > 120 cells total counted per condition. ** p 

<0.001, *** p < 0.0001 indicating a statistically significant difference between 

distrib utions by pairwise Kolmogorov ɬSmirnov asymptotic tests with Bonferroni 

correction . (b) Representative confocal images of PC12s in 4.4 kPa hydrogels  (c) 1.4 

kPa hdyrogels  (d) 1.2 kPa hydrogels (e) 0.26 kPa hydrogels.  All images = 18 µm stacks 

(z-projectio ns).  Scale bars = 50 µm  

 

PC12 neurite outgrowth was also evaluated at day 7 to investigate the effect of 

adhesive peptide signaling on neurite extension in the softest hydrogel condition .  

Results are shown in Figure 23.  Increasing RGDS concentration wi thin the hydrogels  

did not signific antly influence neurite outgrowth between 0 mM PEG -RGDS to 3.5 mM 

PEG-RGDS.  35.15 ± 4.67% of cells were neurite (+) in 0 mM PEG-RGDS gels, 26.38 ± 

5.17% in 1.75 mM PEG-RGDS gels, and 30.70 ± 9.53% in 3.5 mM PEG-RGDS gels.  At 7 

mM PEG-RGDS, however, neurite outgrowth was completely inhibite d, with 0% neurite 

(+) cells.  It is important to note that th is study was conducted separately from that 

shown in Figure 20b.  Due to common variati on in environmental conditions  during 

experimentation , (including cell passage number), the baseline value of neurite (+) cells 

in 0.26 kPa, 3.5 mM PEG-RGDS at day 7 diff ered fr om that in the previous exp eriment . 
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Figure 23: RGDS concentration does not signifi cantly influence n eurite outgrowth 

below 3.5 mM PEG-RGDS; while  7mM PEG-RGDS causes complete inhibition of 

neurite outgr owth.   PC-12 neurite outgrowth is shown as a function of PEG-RGDS 

concentration . Percentage of neurite  (+) cells at 7 days after encapsulation. Neurite (+) 

ÊÌÓÓɯǻɯÏÈÚɯÈÛɯÓÌÈÚÛɯÖÕÌɯÕÌÜÙÐÛÌɯȁɯƖǺɯÛÏÌɯÊÌÓÓɯÉÖËàɯËÐÈÔÌÛÌÙȭ  Data is shown as mean ± 

S.D. *** p < 0.0001, indicating a statistically significant differe nce, whil e n.s. indicates 

no significant differ ence in values. Statistical  analysi s evaluated by one-way ANOVA 

followed by  TukeyɬKram er HSD tests, n = 5 gelsȮɯȁƖƔɯÊÌÓÓÚɯÊÖÜÕÛÌËɯ×ÌÙɯÎÌÓ. 

 

Upon observing significant  neurite outgr owth in soft hydrogels  without cell -

adhesive peptides, we evaluated if  the alloc itself rendered the hydr ogel cell-adhesive by 

evaluating neurite outgrowth  at day 7 in soft hydrogels (1.4 kPa) without alloc (3% PEG-

PQ-PEG) and with 0 mM PEG-RGDS in comparison to neurite outgrowth at day 7 in soft  

hydrogels with comparable compressive moduli  formed with alloc  (2:1 alloc:acrylate at 

1.6 kPa and 3:1 alloc:acrylate at 1.2 kPa) and 0 mM PEG-RGDS.  21.48 ± 3.73% of cells in 

1.4 kPa (non-alloc) hydrogels wit hout RGDS were neurite (+) at day 7, which compared 
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to 19.01 ± 5.76% at 1.6 kPa and 27.95 ± 6.03% at 1.2 kPa (Figure 24a).  These values do not 

vary significantly (p = 0.0842).  This indicates that the presence of alloc alone does not 

signific antly increase neurit e outgrowth beyond its influen ce on hydrog el modulus.  

These results are further supported by comparing the neurite outg rowth at 0 mM PEG-

RGDS to that at 3.5 mM PEG-RGDS for soft alloc and non-alloc conditions  (Figure 24b).  

Cells in 1.2 kPa hydrogels (3:1 alloc:acrylate) and 0.26 kPa hydrogel s (4:1 alloc:acrylate) 

demonstrated no significant differen ce in neurite (+) cells between gels with 0 mM PEG-

RGDS and 3.5 mM PEG-RGDS (p = 0.4257 and p = 0.4259, respectively).  In the same 

manner, cells in the non-alloc 1.4 kPa hydrogels also showed no reduction in neurite (+) 

cells when PEG-RGDS was not included in gels  (Figure 24b) (p = 0.9698).  

 

Figure 24: Alloc does not promote neu rite outgrowth  via adhesive signaling , and in 

soft hydrogels, neurite outgrowth is not promoted by RGDS sign aling.   PC-12 neurite 

outgrowth is shown as a function  of  PEG-RGDS concentration . Percentage of neurite  



 

91 

(+) cells at 7 days after encapsulation. NeuÙÐÛÌɯȹǶȺɯÊÌÓÓɯǻɯÏÈÚɯÈÛɯÓÌÈÚÛɯÖÕÌɯÕÌÜÙÐÛÌɯȁɯƖǺɯÛÏÌɯ

cell body diameter.   (a) Neurite outgrowth acros s 1.6, 1.4, and 1.2 kPa hydrogels 

without RGDS.  Light  grey = alloc, dark grey = no alloc.  Data is shown as mean ± S.D. 

n.s. indicates no significant differ ence in values.  Statistical  analysis evaluated by 

one-way ANOVA  n = 5 gelsȮɯȁƖƔɯÊÌÓÓÚɯÊÖÜÕÛÌËɯ×ÌÙɯgel. (b) Neurite outgrowth 

compared between 0 mM PEG -RGDS and 3.5 mM PEG-RGD S at each stiffness 

condition . Light  grey = alloc, dark grey = no alloc .  Data is shown as mean ± S.D. n.s. 

indicates no significant differ ence in values.  Statistical  analysis evaluated by 

pairwise student ɀs t tests. n=5-6 gelsȮɯȁƖƔɯÊÌÓÓÚɯÊÖÜÕted per gel. 

 

5.4 Discussion and conclusions  

Towards developing physiologically relevant  3D soft tissue culture models, we 

implemented allyl -acrylate competition in cell-degradable PEG-PQ-PEG hydrogel s to 

confer soft-tissue representative stiffness to reductionist  degradable synthetic hydrogels .  

In this degradable matrix system, implementing soluble  alloc was determined to have 

the same effect on PEG-PQ-PEG as it did in PEGDA gels.  Hydrogel compressive 

modulus was reduced by the addition of soluble alloc in a concentration-dependent 

manner to within soft neur al tissue range at 10.99 mg/mL soluble alloc, corresponding to 

a 4:1 alloc:acrylate ratio.  Again, decreasing PEG-PQ-PEG hydrogel  stiffn ess by reducing 

polymer density prov ed ineffective in modeling n eural tissue, with the softest hydrogels 

achieved at above 1 kPa.   

Cell environments vary greatly between 2D and 3D culture; one manner in 

which they differ is in accessibility of soluble fac tors.  While biomolecules in culture 

media are readily accessible to cells in 2D, soluble growth factors and other molec ules 
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must diffuse through the hydrog el matrix to be accessed by cells in 3D tissue culture.  

Thus, methods for reducing hydrogel stiffne ss by altering crosslinking mechanics must 

consider the effect on diffusivity  of key proteins influencing  neural or soft tissue cell 

behavior.  Hydrogels swelled in solutions of T ryspin Inhibitor  and Carbonic Anhydrase 

were transferred to PBS at physiological conditions, and rates of protein diffusion o ut of 

the gels was measured.  Protein diffusion profiles did not vary  for either protein  

between 4.4 kPa hydrogels made without alloc, 1.2 kPa hydrogels made with alloc, and 

0.26 kPa hydrogels made with alloc.  These results indicate that the alloc-mediated 

method of tuni ng hydrogel modulus is orthogonal to material diffusive properties and 

that inferences may be made about cell behavior based on hydrogel mechanical 

modulus independent of accessibility of these soluble factors. 

These two proteins were selected because, at 20 kDa and 29 kDa, they bracket 26 

kDa Nerve Growth Factor in size.  Nerve Growth Factor is a key neurotrophic factor 

implemented for PC12 culture in this work .  Further, these proteins are also 

appropriately  sized for predic ting  the diffus ive behavior of  fib roblast growth factor 

basic, which has isoforms at 18, 22, 22.5, 24, and 34 kDa and is a key protein influenc ing 

neural stem cell behavior, as will be discussed in chapter 6.  Epidermal gro wth factor, 

also implemented in neural stem cell culture, i s 6.2 kDa and would be expected to less 

affected by alterations to matrix por e size than larger proteins.  It is important to note 

that these behaviors may not hold constant for significantly large r proteins.  Additional 
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limi tations of this study include selecting proteins that represent NGF in size but not in 

isoelectric point  as proteins matching nerve growth factor in both size and isoelectric 

point are quite limited, and those that we identified  were enzymes that degrade the 

PEG-PQ-PEG backbone, significantl y altering protein diffusion .   

Next, system cytocompatibility was eva luated because encapsulations for 3D 

culture requires direct contact between cells and the soluble alloc monomer before 

crosslinking.  Fibroblasts encapsulated within all oc-containing PEG-PQ-PEG hydrogels 

showed no difference in cytocompability as compared  to those encapsulated in control 

hydrogels, indicating the appr opriateness of this compliant hydrogel system for cell 

culture.  

Having established the ability to culture cells within soft P EG-PQ-PEG hydrogels 

synthesized with alloc, we then evaluated the influence of environmental stiffness on 

neural cell behavior with in this 3D soft tissue model system.  Comprehensive 

investigation of encapsulated PC12s provided an in-depth understanding of  PC12 

neurogenic behavior in response to hydrogel stiffness as well as the influence of 

adhesive signaling within this system  at neural stiffness conditions . 

PC12s encapsulated in hydroge ls at 4.4 kPa, 1.4 kPa, 1.2 kPa, and 0.26 kPa were 

evaluated at 4, 7, and 14 days with quantification o f the percentage of cells extending 

neurites ≥2x the length of the cell body.  At all 3 timepoints , neuri te outgrowth was 

inversely related to hydrogel stiffness, and hydrogels fabricated with alloc supported 
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greater neuri te outgrowth than those without alloc .  This consistent dose-dependent 

direct relationship between hydrogel compliance and neurite outgrowth is indicative of 

the ability to finely  tune neurite outgrowth  by adjusting the hydrogel stiffness.   This 

degree of control over cell behavior holds promise for directing cell activit y in other soft 

tissue constructs. 

Evaluating neurite extension across 3 timepoints also afforded the ability to 

compare not only overall neurite outgrowth, but rates of growth over time be tween the 

stiffness conditions.  From 4 days to 7 days, neurite outgrowth  for each condition 

increased significantly .  At all stiffness conditions greater than 1 kPa, the percentage of 

neurite (+) cells did not significantly increase from day 7 to day 14.  In contrast, PC12s 

encapsulated in 0.26 kPa hydrogels showed a statistically s ignificant  (p > 0.001) 46.43% 

increase in neurite (+) cells from day 7 to 14.  This indicates that PC12s reach their 

maximum percentage of neurite (+) cells at earlier timepoint s in a stiffer environment, 

while the softest hydrogel is supportiv e of new neurite outgrowth over a longer  period 

of time.  

A complete evaluation of neurite extension includes not only the quantification 

of neurite (+) cells, but the length of neurites as well.  Thus, we measured and summed 

the length of all neurites pro jecting from  each individual cell at day 14 and graphed  a 

distribution of the sums for all cells for each condition .  The results followed the same 

trends as neurite (+) cell quantification: The sum of neurite lengths for each cell was 
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greater in the softer gels.  The distribution for the softest gel condition var ied 

significantly from  those of all other stiffness conditions, trending more towards longer 

neurites than any other condition.   These results demonstrate that neurites are not only 

more numerous, but also longer in the softest gels, which serve as a highly supportive 

environment  for neurite extension from neural cells. 

We next demonstrated the capacity of tuning biochemical material  properties to 

influence cell behavior within this soft tissue model by evaluating the effect of 

modulating hydrogel adhesive condi tions within the softe st hydrogels on neurite 

outgrowth .  Interestingly, varying PEG-RGDS concentration fro m 0 mM to 3.5 mM had 

no significant effect on neurite outgr owth.  A t high (7 mM) PEG-RGDS concentration, 

however, neurite outgrowth  was completely eliminated, indicating a thresho ld RGDS 

concentration exists at which point RGDS switche s from supporti ve to inhibitory to 

neurite outgr owth.  While it is logical that RGDS would el icit a biphasic response where 

high RGDS is “too sticky,” these results diverge from others in the field that show 

integrin activation as essential for growth cone function and neurite extension .  

These results, coupled with t he direct relationship between neurite outgr owth 

and alloc concentration in the hydrogels, presented the potential hypothesis that the 

alloc (linked into the crosslinked network) conferred cell-adhesiveness to the scaffold, 

via charge or non-specific protein adsorption to the alloc molecule.  We tested this by 

encapsulating PC12s in soft hydrogels of comparable stiffnesses: 1.2 kPa, 1.6 kPa (both 
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formed with alloc) and in 1.4 kPa formed without alloc, all of which had 0 mM PEG -

RGDS, and evaluated neurite ou tgrowth at day 7.   The percentage of neurite (+) cells did 

not vary significantly  between any of these conditions, suggesting that alloc itself does 

not increase neurite outgrowth b eyond influencing hydrogel stiffness.  It is expected 

that, if alloc were p roviding cell adhesion contributing to neuri te outgrowth , the percent 

neurite (+) values would be significantly greater for 1.2 kPa (alloc) and 1.6 kPa (alloc) 

than for 1.4 kPa (no alloc).  Further, the percentage of neurite (+) cells was compared 

between hydrogels with 0 mM PEG-RGDS and 3.5 mM PEG-RGDS for 1.4 kPa hydrogels 

(no alloc), 1.2 kPa hydrogel s (alloc), and 0.26 kPa hydrogels (no alloc).  For each stiffness, 

there was no significant difference between neurite outgrowth  between adhesive 

conditi ons, including the gels made without alloc.   These findings indicates that, within 

hydrogels at these stiffnesses evaluated, the cells are capable of neurite extension 

without adhesive contacts and may be driven instead by the pushing mechanism of 

cytoskeletal turnover within  such a highly compliant env ironment.  This cell behavior 

requires further investigation.   

Through this work we have  extended the application of the allyl -acrylate 

competition method for controlling  hydrogel stiffness to cell-degradable reduction ist 

hydrogel  matrices for 3D culture .  We demonstrated that stiffness modul ation does not 

influence diffu sion rates of key proteins through the matrix  and that this method is 

compatible with cell culture.   We then implemented this hydrogel system for neural cell 
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culture and showed th at stiffness modulation with a lloc can be used to control PC12 

neurite outgrowth , with the softest hydrogels at neural stiffness supporting extensive 

neurite projection  in both number and length.  Finally, the softest hydrogel condition 

was used as a platform where biochemical properti es were modified  and neural cell 

behavior was evaluated.  Having established a reductionist soft synthetic hydrogel 

system for neural cell culture, we next imp lemented this system for investigation of 

more physiologically relevant cell types fo r tissue regeneration. Culturing neural stem 

cells (NSCs) within this tunable and highly compliant scaffold can contribute to better 

understanding NSC behavior in a controlled envir onment. This hydrogel serves as a 

relevant model system due to its mechanical propertie s within which  we can tune other 

environmental properties to analyze NSC interactions and activities.  
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6. Neural stem cell culture 

6.1 Introduction 

The overarching objective of soft tissue-mimetic culture systems is to investigate 

soft tissue behavior tow ards designing tissue engineered constructs that direct and 

promote therapeutic regeneration.   For cell-based neural tissue regenerative therapy, 

neural stem cells are considered widely to hold potential for regenerating functional 

tissue.   

In animal studi es of brain insult pathologies with major tissue damage  such as 

stroke and traumatic brain injury , NSC transplantation has led to promising results 

including donor cell differentiation, stimulation of endogenous neurogenesis and 

angiogenesis, reduced infarct and reactive gliosis, and sensory motor function recovery 

[31, 33-35, 223-225].  NSC transplantation has also shown to cause neurogenesis and 

improve functional recovery  in animal models of neural degenerative diseases including 

Huntington’s disease [226] and Alzheimer’s disease [227, 228].  Early -stage clinical trials 

of NSC transplantation therapy, though very limited, have shown some cases of 

improved function as well [229-231], indicati ng great promise for cell-based therapy for 

neural tissue regeneration. 

Neural stem cells are undifferentiated multipotent cells of the central nervous 

system that have the potential to differentiate into multiple types of neural cells and 

support cells such as astrocytes, oligodendrocytes, and other glial cell types [232] . 
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Neurons are cells found througho ut the body that store, process, and transmit sensory, 

cognitive, and mechanical information via electrical sign aling and secretion of  chemicals 

called neurotransmitters [233, 234].  Processes extend from the neural cell body both to 

connect to other neural cells and to innervate other tissue types.  Dendrites receive input 

signals while ax ons transmit output signals  [233].  Known collectively as neurites, 

extended dendrites and axons are indicative morphology of differentiat ed neurons.   

Many types of mature neurons exist, and methods for definit ively classifying 

each type of neuron are currently in development  [235, 236].  Though heterogeneity 

exists within  classifications, some approaches for grouping neuron type are by 

morphology , by signaling type  (excitatory and inhibitory) , and by neurotransmitter they 

secrete (GABAergic, Dopaminergic, etc).  While t hese classifications may be identi fied 

by subtype-specific protein expression, more universal markers exist for mature, or post-

mit otic neurons.  Neurons of the central nervous system (CNS) largely d o not divide  

after fetal development  and are known to express proteins that demonstrate their 

function, in cluding NeuN, microtubule associated protein 2, neurofilament medium and 

neurofilament heavy, and synaptophysin, among others [237, 238].  More immature 

neurons that have not reached termi nal diff erentiation subtype are wi dely known t o 

express beta III  tubulin, also known as Tuj1  [239]. 

Astrocytes are glial support cells that serve to maintain homeostasis of the 

central nervous system by supporting synaptic formation and function, connecting the 



 

100 

neurons to the vasculature and forming a blood -brain barrier [240, 241].  While 

astrocytes are essential to neural function, they may also be triggered by tissue injur y or 

disease to a destructive pathogenic state known as reactive astrogliosis.  Severe reactive 

astrogliosis may result in for mation of a glial scar that blocks cell mig ration and neurite 

extension critical to tissue recovery [241].  Astrocytes are most commonly identified by 

expression of glial fibrillary ac id prot ein (GFAP), and S100β; however, there is no perfect 

exclusive astrocyte marker [242, 243]. Some populations of NSCs, particularly adult 

neural stem cells, are also capable of expressing GFAP as well due to their radial glial 

origins [241, 244]. 

Another type of glial cell than can rise from neura l stem cell differentiation is the 

oligodendrocyte.  Oligodendroc ytes are responsible for production of the myelin sheath 

within the central nervous syste m: mature oligodendrocy tes produce multilayer lipid 

myelin membrane extensions that wrap around the ax ons of neural cells, insulating 

them and promoting saltatory action [245, 246].  This ensheathment of axons 

significantly improves neuro nal signal propagation efficiency by reducing energy 

consumption and increasing  conduction velocity.  The sheath also provides physical 

protection to axons [247].  Olig odendrocytes are identified by t heir morphology and the 

expression of both transcription factor Olig2 and myel in-associated markers such as 

myelin basic protein (MBP) and galactocerebroside (GalC).  Transcription factor SOX10 

is also expressed by oligodendrocytes, among other factors, during differentiation [245].  
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These differentiated nervous  system cells arise from differentiation of neural 

stem cells, largely during f etal development.  While neurogenesis is a common 

occurrence in the developing brain, endogenous neurogenic potential is significantly 

more limited in adu lt mammals, with natura l neural stem cells restricted to two 

neurogenic zones, or neural stem cell niches.  The subgranular zone (SGZ), within th e 

hippocampus , and the subventricular zone (SVZ) in the lateral ventricles are the two 

sites of neurogenesis wit hin the adult brain .  These niches are complex, dynamic, and 

heterogeneous environments [248].   

Adult neural stem cells, originating from radial glial cells, are subject to cell -cell, 

cell-ECM, and soluble factor signaling events that guide their behavior [45, 248].  NSCs 

are also influenced by circulation due to close associations with niche vasculature and, 

in the SVZ, cerebrospinal fluid  (CSF) flow in the late ral ventricles.  NSCs interact w ith 

multiple different cell types present in the niche: in addition to  NSC-NSC int eractions, 

NSCs intermingle with neural precursors in varying states of differentiation  including 

transit amplifying intermediate progenitors and neuroblasts.  Mature astrocytes contact 

both NSCs and blood vessels within the niche to provide signaling between stem cells 

and vasculature and influence NSC activity via  secreting neurogenic factors.  NSCs 

themselves are also closely positioned to the niche vasculature.  The relationship 

between NSCs and vascular cells of the niche is not fully under stood but is speculated to 

be important to neuronal differentiation, as neurogenesis and angiogenesis have been 
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observed to be paired [249-251].  Ependymal cells, which line the  ventricle walls , secrete 

pro-neurogenic factors and receive signals from the CSF.  Mature neurons also innervate 

the niche and provide signals to NSCs [252].  NSCs are responsive to biomolecule 

signaling from these niche cells and others.  While observed to be largely quiescent in 

vivo, NSCs are stimulated by epidermal growth factor and fibroblast growth factor  to 

divide and migrate  [45, 252].  The NSC niche ECM is also specialized and is comprised 

of laminin (wh ich has extensive contact with NSCs and connects them to the vascular 

basal membrane), Tenascin C, collagen, heparin sulfate and chondroitin sulfate 

proteoglycans, and hyaluron ic acid that provide integrins for cell adhesion and bind  or 

sequester neurogenic factors [248, 253, 254].  Many of these interactions can be 

vi sualized in Figure 25, in the schematic by Goldberg and Hirschi [255]. 
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Figure 25: A cross-sectional view of t he SVZ neur al stem cell niche.  NSCs interact 

closely with several cells typ es and receive a multitude of contact-mediated and 

soluble signals in the NSC niche  [255]  

 

Thus, the NSC niche is a complex and heterogeneous environment where 

combinations of many different environmental factors ha ve interactive effects on NSC 

fate and endogenous neural tissue regeneration [232].  As these specific combinations of 

signaling processes directing NSC differentiation are not well understood, many in vitro 

neural cell culture systems exist for the purpose of probing neural cell be havior and 
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elucidating  the effects of environmental signals on NSC fate.  While we described in 

chapter 5 some examples of hydrogels for neural cell culture, here we focus on culture 

systems specifically for in vestigative in vitro culture of neural stem and progenitor cells.  

A multitude of  hydrogel materials systems exist for NSC culture, inc luding 

naturally -derived  and synthetic, and ranging from complex to reductionist  [126].  

Common natur al-based hydrogels for NSC culture are made from polymers comprising 

major components of the NSC niche ECM: laminin, hyaluronic acid, collagen , or 

combinations of these natural polymers  [69, 74-79].  Due to their customizability and 

inherent bioiner tness, synth etic PEG-based hydrogels are commonly implemented for 

NSC culture in hydrogels [127, 256-260].  Synthetic hydrogels must be modified to 

interact with cells, and b iolog ical components of the NSC niche (ECM or signaling 

factors) may be added to synthetic matrices for  modeling niche-specific cell-material 

interactions.  For example, PEG-based hydrogels have been functionalized wi th affinity -

bound laminin [261] and with RGD and Tenascin C [125] to support NSC culture and 

promote neuronal differentiation .  Biochemical modification is not limited to synthetic 

hydrogels, as NSC niche-relevant biomolecules have also been incorporated into so me 

naturally -based hydrogels to direct NSC behavior [77, 192, 262].  Another widely 

implemented class of hydrogel materials  for NSC culture  that affords bioactivity and 

true customization and reproducibility is that of peptide and protein hydrogels [129, 

130, 263].  These gels provide the additional advantage of self-assembly without a 
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stimulated crosslinking me thod and do not requir e further functionalization post -

synthesis, though they do not allow stiffness modulatio n or different crosslinking 

dynamics. 

It is important to note  when comparing NSC response to environmental 

conditions across hydrogel models that these culture systems vary greatly (in material, 

relative mechanical and biochemical properties, and i n dimensionality) and cell sources 

do vary as well between studies, and, as with other cell types, NSC behavior is context-

dependent.  However, w hile some results have varied across culture systems, several 

key understandi ngs of NSC behavior have been elucidated through in vitro NSC culture 

in ECM-mimetic polymer hydrogels, and these findings are consistent across the range 

of materials systems. 

One of these findings is that the stiffness of the material is critical to NSC fate 

and function.  It is essential that the matrix mimics the mechanical properties of 

endogenous neural tissue.  Soft tissue matrices have been thoroughly shown throughout 

the literature  to better support neurogenic behavior than stiff matrices.   Neural stem and 

progenitor cells favor neurogenesis over astrogenesis in the most compliant 

environments  at stiffnesses of 100–1000 Pa, generally optimized around 500 Pa [79, 167, 

175-177]. 

Also key to NSC behavior is contact-mediated ECM signaling.  As laminin is 

major component of the NSC niche ECM, laminin and laminin -derived adhesive 
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peptides have been widely incorporated within hydrogels.  Cell adhesive peptide 

IKVAV  from the laminin α-chain binds to the 110-kDa cell receptor expressed by neural 

cells [264].  IKVAV  has been shown across many hydrogel systems to support NSC 

culture via  not only cell adhesion, proliferation, and migration [127, 265], but also 

enhanced neurogenic differentiation  in synthetic hydrogels  [128] and enhanced neurite 

outgrowth and neurogenesis in peptide amphiphi le nanofiber matrices [129, 130, 266].  

The mechanism by which IKVAV binding promote s neurogenic behavior is not entirely 

understood, but a potential pathway consists of upregulating cellular β1-int egrin 

activation, which increases integrin linked kinase s ignaling to suppress astroglial 

differentiation  [267].  In contrast, however, some systems have shown that the tethered 

RGD peptide more effectively pr omotes NSC growth and neurogenesis than IKVAV 

[268, 269], underscoring the importance of further studying the effects of adhesive 

signaling on NSC behavior in niche model systems. 

We implement here the alloc system for soft reductionist PEG-PQ-PEG hydrogels 

as a foundation for designing hydrogels that can support neural ti ssue regeneration by 

3D culturing neural stem cells within our hydrogel system.   We evaluate the 

appropriateness of this hydrogel system for N SC culture and test the effects of altering 

environmental factors on  NSC behavior.  By independently t uning hy drogel stiffness, 

adhesive ligand presentation, and soluble growth factor signaling, we find both 
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independent and interactive effects of these factors on NSC morphology and protein 

expression within this culture sy stem. 

 

6.2 Materials and Methods 

6.2.1 NSC culture and characterization in 2D 

Rat fetal neural stem cells (isolated from cortexes of embryonic day 14 Sprague 

Dawley rats) were purchased from Thermofisher and were cultured as per the 

manufacturer’s instructions.  Briefly, cells were first cultured on tissue culture 

polystyrene plates coated with poly -l-ornithin e (PLO, Sigma) in growth media 

(KnockOut D-MEM/F -12, Serum, 2% StemPro NSC Serum Free Supplement, 2mM 

GlutaMAX -I Supplement, 20 ng/mL basic Fibroblast Growth Factor, 20 ng/mL human 

epidermal growt h factor, and 5 ug/mL gentamicin) and passaged once before 

experimentation.  A ll new cell lots were first characterized after 3 days of culture in 

growth conditions (seeded at 5 x 104 cells/cm2 on PLO-coated plates in growth media)  by 

immunosta ining fo r neural stem cell markers Nestin and SOX2, as well as neuronal 

differ entiation marker beta III tubulin ( Tuj1) and astrocyte differentiation marke r gli al 

fibrillary acidic protein ( GFAP) in comparison.   

Cells were also tested for their ability to undergo diff erentiation in 2D culture in 

response to soluble signaling and cell-substrate interactions.  According to 

manufacturer’s instructions, cells seeded on PLO at 5 x 104 cells/cm2 switched after 2 
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days in growth  media to cultur ing in “differentiati on media” (growth m edia without 

bFGF and EGF) results in spontaneous differentiation into neurons, astrocytes, and 

oligodendrocytes after 7 days.  The two media formulations are compared in Table 2 

below.  Cells were fixed and immunostai ned with antibodies  for Nestin, Tuj1 and GFAP 

at 7 days of culture without g rowth factors . 

 

Table 2: Medi a components for NSC culture.     Growth media co ntains  EGF and 

bFGF, while differentiation media does not conta in growth factors.   

 

 

For all 2D characterizatio n, cells were fixed in 4% paraformaldehyde for 25 

minutes at room temperature, then rinsed 3x with ph osphate-buffered-saline (PBS) with  

Ca2+ and Mg2+, incubated in 0.125% Triton-X for 10 minutes, then rinsed again 3x with 
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PBS with Ca2+ and Mg 2+, and incubated in 5% donkey serum for 1 -3 hours.  A fter 3x PBS 

rinse, cells were incubated in prima ry ant ibodies in 0.5% donkey serum at 4°C for 1-3 

hours.  Primary antibody solutions consi sted of (1) rabbit anti -rat for nestin antibody  

(1:250, abcam) and mouse anti-rat for  SOX2 antibody (1:500, Thermofi sher) (to evaluate 

stemness) or (2) rabbit anti -rat for nestin antibody (1:250, abcam), sheep anti-rat for  

GFAP antibody  (1:500, abcam), and mouse anti-rat for beta III t ubulin antibody (1:1000, 

abcam) (to evaluate differentiatio n).  Then cells were rinsed 3x, 30 min each, in 0.01% 

Tween 20, and 1x in PBS.  Cells were next incubated overnight i n a secondary antibody 

solution at 4°C.  Secondary antibody solutions consisted of (1) donkey anti -mouse 

antibody wi th Al exa Fluor 488 (1:200, Thermofisher) and donkey anti-rabbit antibody 

with Ale xa Flour 555 (1:200, Thermofisher) in 0.5% donkey serum or (2) donkey anti-

mouse antibody with Alexa Fluor 488 (1:200, Thermofisher), donkey anti-rabbit antibody 

with Ale xa Flour 555 (1:200, Thermofisher), and donkey anti -sheep antibody with Alexa 

Fluor 647 (1:200, Thermofisher) in 0.5% donkey serum.  Finally, cells were rin sed with 

PBS, then incubated in 4′,6-diamidino -2-phenylindole (DAPI  nuclear stain; Sigma) for 30 

min, then rinsed with PBS again and stored in PBS + 0.2% sodium azi de before imaging.  

All PBS rinses were in PBS with  Mg 2+ and Ca2+ and all solutio n dilutions  were made in 

PBS with  Mg 2+ and Ca2+ as well .  All rinses and incubations were  performed u nder 

constant gentle rockin g.  Secondary control conditions underw ent the same protocol 

except without  adding primary antib odies to test for non-specific secondary antibody 
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binding.   All imag ing was perform ed with the Zeiss 880 inverted confocal wi th Airyscan 

with a 405 nm di ode laser to visualize DAPI, Argon /2 laser to visualize Alexa Fluor -488 

(filtered to 498-553 nm), 561 diode laser (filtered  to 561-624 nm) to visual ize Alexa Fluor 

555, and HeNe 633 nm laser (filtered to 633-759 nm) to visualize A lexa Fluor 647.  2D cell 

culture samples were imaged with  a 10x EC Plan-Neofluar  objective (NA: 0.3).  Images 

were processed and analyzed in ImageJ. 

6.2.2 NSC encapsulation and behavior in 3D culture 

NSCs were encapsulated in functionalized PEG-PQ-PEG hydrogels to (1) 

evaluate the effect of alloc-mediated stiffness on NSC behavior and (2) evaluate the 

effect of soluble and adhesive signaling on NSC behavior within thi s compliant , 

controlled system. 

After 3-4 days of 2D culture in g rowth conditions  (reaching 70-95% confluence), 

NSCs were passaged using StemPro Accutase (Thermo) and encapsulated at 10,0000 

cells /µL density at the fol lowing conditions  in Table 3: 
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Table 3: Encapsulation conditions for NSC studies.    Two levels of each factor: 

hydr ogel stiffne ss, adhesive peptide presentation, and growth factor signaling were 

evaluated in combi nation.  

 

Note that, as per manufacturer’s instructions, encapsulations in “differentiation 

media” were first cultured in “growth media” for 2 days before removing growth  factors 

for  7 days of culture in media without growth factor  stimu lation.  

Encapsulations were fixed at day 7, then immunostained, imaged, and evaluated.   

Hydrogel s were fixed in pre-warmed 4% paraformaldehyde in PBS for 45 minutes with 

constant agitation.  After 3 rinses in room temperature PBS, samples were permeabilized 

by incubating in 0.25% Triton-X in PBS for 45 minutes at room temperature.  After 3 PBS 

rinses, gels were incubated in a primary antibody solution (rabbit anti -rat for nestin 

antibody (1:250, abcam), sheep anti -rat for  GFAP antibody  (1:500, abcam), and mouse 

anti-rat for beta III tub ulin antibody (1:1000, abcam) in 0.5% donkey serum) at 4 °C for 

two nights.   Then gels were ri nsed 3 times, 2 hours each, in 0.01% Tween-20 and 1 time 

for 2 hours in PBS.  Next, the gels were incubated for 2 nights at 4°C in a secondary 
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antibody solution ( donkey anti -mouse antibody with Alexa Fluor 488 (1:200, 

Thermofisher), donkey anti-rabbit antibody with Ale xa Flour 555 (1:200, Thermofisher), 

and donkey anti -sheep antibody with Alexa Fluor  647 (1:200, Thermofisher) in 0.5% 

donkey serum).  Finally , gels were rinsed wit h PBS and then incubated in 4′,6-

diamidin o-2-phenylindole (DAPI  nuclear stain; Sigma) for an hour and then rinsed 

again with PBS again for at least 1 hour and stored in PBS + 0.2% sodium azide before 

imaging.  All PBS rinses were in PBS with  Mg2+ and Ca2+ and all solution  dilutions we re 

made in PBS with  Mg 2+ and Ca2+ as well.  All rinses and incubations were  performed 

under constant gentle rocking. 

All imag ing was performed with the Zeiss 880 inverted confocal wi th Airyscan 

with a 405 nm diode laser to visualize DAPI, Argon /2 laser to visualize Alexa Fluor -488 

(filtered to 498-553 nm), 561 diode laser (filtered  to 561-624 nm) to visual ize Alexa Fluor 

555, and HeNe 633 nm laser (filtered to 633-759 nm) to visuali ze Alexa Fluor 647.  3D cell 

cultu re in hydrogels were imaged with a 20x Plan-Ap ochromat objective (NA: 0.80).  4 

randomly located 30 µm stacks were imaged per gel, with 2.5 µm optical slice thickness. 

And all images were processed and analyzed in ImageJ with each channel adjusted to 

the same brightness and contrast values across all images for all  conditions.   The 647 

channel images were all processed using the “despeckle” feature due to nonspecific 
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background speckling o f the antibody .  All images were evaluated for cell morphology 

as well as stem and differentiation  marker expression. 

6.3 Results 

6.3.1 NSC culture and characterization in 2D 

NSCs were first characterized as being stem cells by staining for Nestin  and 

SOX2, two widely accepted neural stem cell markers, after culturing the c ells in the 

manufacturer’s growth media containing EGF and bFGF.  The cells showed positive 

staining for both of these markers (Figure 26a), as well as spread morphology 

characteristic of undifferentiated neural stem cells .  Cells cultured in these conditions 

were also stained for Nestin as wells as GFAP and Tuj1 after culturing in growth media.  

The cells stained positive for Nestin and GFAP but not for Tuj1.  These results are shown 

in Figure 26b.  Next cells were evaluated for their ability to different iate into 

neurons/astrocytes.  Cells were cultured on PL O for 7 days in mixed differentiation 

media, which contains all the same components as growth media except with the 

removal of EGF and bFGF.  In these culture conditions, shown in Figure 27 in 

comparison to NSCs in growth culture conditions a t day 3, cells adopted a less-spread 

morphology with compact cell bodies and small neurite -like protrusions.  Nestin and 

GFAP expression were decreased and some cells with distinct neuron morphology 

showed strong Tuj1 expression, indicating clear neuronal differentiatio n.  Other cells 
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showed lower expression of Tuj1 as well.  These images show that NSC fate is 

significantly influenced by s oluble growth factor signaling in 2D culture  on PLO.   
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Figure 26: NSCs are characterized as multipotent  and undiffer entiated before 

experimentation .  NSCs cultured for 3 days on PLO -coated tissue culture polystyrene 

in growth media ( a) NSCs stained for neural stem marker s Nestin and SOX2. (b) 

NSCs stained for neural stem marker Nestin, astroc yte marker GFAP , and neuronal  

marker Tuj 1. ( c) Secondary antibody control staining condition shows no non -

specific secondary antibody binding .  All scalebars = 200 µm. 
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Figure 27: Soluble gr owth factor signaling influe nces NSC dif ferentiation i n 2D 

culture.   (a) NSCs cultured for 3 days on PLO -coated tissue culture polystyrene in 

growth media with growth factors. Cells show spread morphology, high Nestin and 

GFAP expression, and no Tuj1 expression. (b) NSCs cultured for 7 days on PLO-

coated tissue culture pol ystyrene in mixed media without growth factors.  Cells show 

compact cell bodies with neurite -like extensions, reduced Nestin and GFAP 

expression, and Tuj1 positive neurons.  All scalebars =  200 µm.   
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6.3.2 NSCs influenced by hydrogel stiffness, adhesive peptide 
signaling, and soluble growth factor stimulation in 3D culture 

Neural stem cells were encapsulated in 8 different conditions by varying 3 

independent variables in each possible combination: hydrogel stiffness, adhesive 

peptide presentation, and soluble grow th factor presentation.   

Representative images were selected from each encapsulation condition, and these 

images were observed side-by-side to make pairwise qualitative compari sons between 

NSC behavior in different encapsulation cond itions and subsequent inferences about the 

influences of each property within this system.   These comparisons are shown in Figure 

28 through Figure 39.   

6.3.2.1 Influence of hydrogel mechanical properties  

The first material property investi gated was hydr ogel mechanical stiffness, 

whi ch was tuned by the absence or presence of soluble alloc.  The two compressive 

modulus conditions were 4.4 kPa (no alloc) and 0.26 kPa (alloc).  For all adhesive 

peptide and soluble growth factor conditions, hydr ogel stiffness influenced NSC 

behavior. 

In hydrogels with 3.5 mM tethered PEG-RGDS and soluble EGF and bFGF 

present, NSCs in 4.4 kPa gels presented rounded morphology with no cell spreading or 

neurite extension, and cells were largely clumped together.  Ne stin was strongly 

expressed by many cells, while GFAP expression was low and no Tuj1 expression was 
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seen.  (Though the low GFAP staining could be from poor GFAP antibody penetration of 

the cell clumps) (Figure 28a).  In contrast, NSC in 0.26 kPa gels with 3.5 mM PEG-RGDS 

and EGF and bFGF showed less cell clumping and substantial neurite exte nsion.  While 

Nestin expression was also strong, GFAP staining was at greater intensity than in stiffer 

gels, and a very small number of cells expressed neuronal marker Tuj1 (Figure 28b).  

Thus, at these biochemical conditions, decreasing gel stiffness to that of neural tissue 

influenced cell morphology and potentially initiated early neural differentiation.  

In hydrogels with 1.75 mM PEG-RGDS + 1.75 mM PEG-IKVAV and solub le EGF 

and bFGF, cells in 4.4 kPa hydrogels largely expressed Nestin and GFAP, and many cells 

also expressed low levels of Tuj1.  Cells showed minimal spreading and some clumping  

(Figure 29a).  In 0.26 kPa gels, cells showed strong Nestin and GFAP, and a few cells 

expressed low Tuj1.  Cells again showed some clumping and also extensive neurite 

projections from a large percentage of cells (Figure 29b).  At these biochemical 

conditions, stiffness appears to affect cell morphology more than protein expression. 

In hydrogels with 3.5 mM PEG-RGDS and no soluble growth factors (Figure 30), 

GFAP expression was consistently higher in  cells in 0.26 kPa gels.  A few cells strongly 

expressed Tuj1 at both stiffness conditions, but cells in 4.4 kPa do not extend any 

neuri tes, while a small number of cells in 0.26 kPa hydrogels show short neurite -like 

projections.  At these biochemical conditions, stiffness appears to have a more limited 
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effect on cell behavior than it did in G F + hydrogels, with some differences in cell 

morphology and GFAP expression. 

In hydrogels with 1 .75 mM PEG-RGDS + 1.75 mM PEG-IKVAV, Nesti n, GFAP, 

and Tuj1 expression were all greater in 0.26 kPa than in 4.4 kPa hydrogels, indicating a 

significant impact of hydrogel stiffness at these biochemical condi tions (Figure 31).  

Thus, while  the extent level and specific type of influence varied based on the 

biochemical environment, greater neurogenic behavior , or more representative soft 

tissue behavior was observed in the softer hydrogels for all conditions.  
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Figure 28: Hydrogel st iffness influences NSC morphology and diff erentiation marker 

expression in gels with 3.5 mM PEG -RGDS and soluble GF stimulation.   (a) NSCs in 

4.4 kPa hydrogel made without alloc. (b) NSCs in 0. 26 kPa hydrogels made with alloc.  

Cells show reduced clumping, neurite -like extensions, highe r GFAP expression, and a 

very small amount of Tuj1 expression in 0.26 kPa hydrogels, as opposed to no neurite 

projections or Tuj1 marker expression in 4.4 kPa gel s. Images are z-projections of 30 

µm stacks. All sca lebars = 100 µm. 
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Figure 29: Hydrogel stiffness influences NSC morphology in gels with 1.75 mM PEG -

RGDS + 1.75 mM PEG-IKVAV and soluble GF stimulation.   (a) NSCs in 4.4 kPa 

hydrogel ma de without all oc. (b) NSCs in 0.26 kPa hydrogels made with alloc.  Cells 

show similarly high levels of Nestin and GFAP expression and low Tuj1 expression 

in both stiffness es, but cells in 4.4 kPa gels show minimal spreading and no 

proje ctions, while many cells in 0.26 kPa gels show extensive neurite -like projections. 

Images are z-projections of 30 µm stacks. All scalebars = 100 µm.  
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Figure 30: Hydrogel stiffness  has some  influence  on NSC morphology and protein  

expression in gels with 3.5 mM PE G-RGDS and without soluble GF.  (a) NSCs in 4.4 

kPa hydrogel made w ithout alloc. (b) NSCs in 0.26 kPa hydrogels made with alloc.  

Cells show increased GFAP expression in 0.26 kPa hydrogels.  While both stiffnes s 

conditio ns have a small number of cells hi ghly expressing Tuj1, a few cells extend 

short neurite -like projectio ns in 0.26 kPa gels, while those in 4.4 kPa gels do not.  

Images are z-projections of 30 µm stacks. All scalebars = 100 µm.  
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Figure 31: Hydrogel stiffness  has some infl uence on NSC morphology  and protein 

expression in gels with 1.75 mM PEG -RGDS + 1.75 mM PEG-IKVAV and without 

soluble GF.  (a) NSCs in 4.4 kPa hydrogel made without alloc. (b) NSCs in 0.26 kP a 

hydrogels made with alloc.  Cells  show increased expression of both stem an d 

differentiation markers in 0.26 kPa hydrogels.  In addition to a small number of cells 

expressing neuronal marker Tuj1, a few cells extend short neurite -like projections in 

0.26 kPa gels, while those in 4.4 kPa gels do not.  Images are z-projections of 3 0 µm 

stacks. All scalebars = 100 µm. 
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6.3.2.2 Influence of immobilized adhesive peptide signaling  

 Next, NSC morphology and protein expression was compared between 

hydrogels made with 3.5 mM PEG-RGDS and those with 1.75 mM PEG-RGDS + 1.75 

mM PEG-IKVAV to d etermine the effects of adhesive peptide signaling on NSC 

behavior within this system, particularly that of laminin -derived peptide IKVAV , 

implemented commonly in biomaterials for  NSC culture. 

In 4.4 kPa hydrogels cultured with soluble EGF and bFGF, adding  laminin -

derived adhesive peptide IKVAV influenced encapsulated NSC morphology and 

protein expression: cells in hydrogels with 3.5 mM PEG-RGDS showed more cell 

clumping and less cell spreading than those in gels wi th 1.75 mM PEG-RGDS and 1.75 

mM PEG-IKVAV.   The NSCs in gels with RGDS and IKVAV also showed greater GFAP 

expression and the presence of Tuj1, while cells in RGDS-only gels showed low GFAP 

expression and no Tuj1 (Figure 32). 

In 0.26 kPa hydrogels with EGF and bFGF signaling, protein expression in NSCs 

did not vary considerably between cells in hydrogels with and without immobilized 

IKVAV  (Figure 33).  In both conditions, most cells strongly expressed Nestin and GFAP, 

and only  a small number of cells expressed Tuj1.  Cell morphol ogy did differ between  

conditions, however, with appreciably longer neurite -like projections in gels with RGDS 

+ IKVAV than with RGD S alone. The neurites in gels with RGDS were estimated to be 
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50-80 µm in length, while many of the proje ctions extended by cells in RGDS + IKVAV 

gels were ≥ 100 µm.  

In 4.4 kPa hydrogels without soluble growth factor signaling, NSCs showed 

comparable morphology in both hydrogels with 3.5 mM PEG -RGDS and with 1.75 mM 

PEG-RGDS + 1.75 mM PEG-IKVAV, with no spreading or neurite projections  (Figure 

34).  While cells in both conditions showed similar Nestin expression, cells in RGDS-only 

hydrogels showed greater GFAP expression and Tuj1 expression than cells in RGDS + 

IKVAV hydrogels , showing the impact of adhesive signaling on early NSC 

differentiation . 

In 0.26 kPa hydrogels without EGF and bFGF, cell behavior did not vary 

substantially between hydrogels with immobilized RGDS only and those with RGDS 

and IKVAV  (Figure 35).  In comparison to the influence of IKVAV in 0.26 kPa hydrogels 

with EGF and bFGF, these results suggest adhesive signaling has less impact on NSC 

behavior in soft hydrogels when cells are not stimulated by growth factors .  In both 

adhesive conditions, the majority of cells showed strong Nestin and GFAP expression, 

while a few cells showed high Tuj1 expression.  A few cells extended short neurites or 

neurite-like projections on the order of 20-50 µm in length.  
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Figure 32: Hydrogel adhesive peptide signaling affects NSC morphology and protein 

expression in 4.4 kPa hydrogels with soluble GF stimulation.   (a) NSCs in hydrog el 

with 3.5 mM PEG -RGDS. (b) NSCs in hydrogel with 1.75 mM PEG -RGDS + 1.75 mM 

PEG-IKVAV.  Cells show increased GFAP expression in 0.26 kPa hydrogels.  In 

addition to reduced cell clum ping  and some cell spreading, cells in RGDS + IKVAV 

gels showed greater GFAP expression and low levels of Tuj1 expression, while cells 

in RGDS -only gels did not undergo cell spreading or express Tuj1.  Images are z -

projections of 30 µm stacks. All scalebar s = 100 µm. 
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Figure 33: Hydrogel adhesive peptide signaling affects NSC morphology in 0.26 kPa 

hydrogels with soluble GF stimulation.  (a) NSCs in hydrogel with 3.5 mM PEG -

RGDS. (b) NSCs in hydrogel with  1.75 mM PEG-RGDS + 1.75 mM PEG-IKVAV .  

Cells show similar protein expression across both adhesive conditions, but neurite -

like projections are substantially longer in hydrogels with RGDS + IKVAV than in 

those with RGDS.  Images are z-projections of 30 µm stacks. All scalebars = 100 µm. 
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Figure 34: Hydrogel adhesive peptide signaling affects NSC protein expression in 4.4 

kPa hydrogels without soluble growth factors.  (a) NSCs in hydrogel with 3.5 mM 

PEG-RGDS. (b) NSCs in hydrogel with 1.75 mM PEG-RGDS + 1.75 mM PEG-IKVAV.  

Cells show increased GFAP and Tuj1 expression in gels with RGDS only as compared 

to those in gels with RGDS + IKVAV, though expression was still limited in the 

RGDS gels.  Images are z-projections of 30 µm stacks. All  scalebars = 100 µm.  
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Figure 35: Hydrogel adhesive peptide signaling does not appreciably affect NSC 

behavior in 0.26 kPa hydrogels without soluble growth factors.  (a) NSCs in hydrogel 

with 3.5 mM PEG -RGDS. (b)  NSCs in hydrogel with 1.7 5 mM PEG-RGDS + 1.75 mM 

PEG-IKVAV.  Cells in both conditions show positive staining for Nestin and GFAP, 

with a few cells expressing Tuj1 and a small number of cells extending short neurite -

like projections.  Images are z -projecti ons of 30 µm stacks. All s calebars = 100 µm.  
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6.3.2.3 Influence of soluble growth factor  signaling  

EGF and bFGF are mitogenic proteins shown in previous cell culture systems to 

support NSC self-renewal [270].  Here, the effects of 20 ng/mL soluble EGF + 20 ng/mL 

soluble bFGF in culture medium on NSC behavior was evaluated within the context of 

our hydrogel system at each hydrogel stiffness and adhesive peptide condition.  

 In 4.4 kPa hydrogels with 3.5 mM PEG-RGDS, cells showed considerably less 

clumping in media without growth factors th an those in media with EGF and bFGF, 

though neithe r set of cells showed any spreading.  Cells in both conditions showed a 

strong Nestin signal and low GFAP staining, but a small number of cells in growth -

factor free media stained positive for Tuj1, while n o cells in EGF + bFGF media 

expressed Tuj1.  These differences, shown in Figure 36, indicate the influence of soluble 

EGF and bFGF on NSC behavior and potential early differentiation within the hydrogels 

at these material conditions. 

In 0.26 kPa hydrogels with 3.5 mM PEG-RGDS, the effect of soluble growth 

factor signaling had differing effects on cell morphology and Tuj1 expression  (Figure 

37).  A greater number of NSCs expressed Tuj1 in the absence of growth factors; 

however, more cells in the EGF + bFGF condition  extended neurite-like projections.  

Additionally, the projections in gels with growth factors were longer (estimated to be 50 -

80 µm in length) than those of the cells not stimulated with growth f actors (20-50 µm). 
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In 4.4 kPa hydrogels with 1.75 mM PEG-RGDS + 1.75 mM PEG-IKVAV , cells 

showed slightly more spread morphology in media with EGF and bFGF than in media 

without growt h factors (Figure 38).  Interestingly, growth factor -stimulated cells also 

expressed more Nestin, GFAP, and Tuj1 than unstimul ated cells.  This indicates that 

soluble EGF and bFGF influence NSC behavior (and potentially cell health) at these 

material conditions.  

Soluble growth factor signali ng had a similar influence on NSC behavior in 0.26 

kPa hydrogels with  RGDS and IKVAV as it did in 0.26 kPa hydrogels with RGDS alone 

(Figure 39): Cells in both signaling conditions showed strong Nestin and GFAP 

signaling, while a greater number of NSCs expressed Tuj1 in the absence of growth 

factors; however, more cells in the EGF + bFGF condition extended neurite -like 

projections.  The projections in gels with growth factors were considerably longer (with 

many ≥ 100 µm neurites) than those of the cells not stimulated with growth factors  at 20-

50 µm. 
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Figure 36: Soluble GF signaling affects NSC behavior in 4.4 kPa hydrogels with 3.5 

mM PEG-RGDS.   (a) NSCs in media with EGF and bFGF. (b) NSCs in media without 

soluble growth factors.  Cells show reduced cell clumping in media without growth 

factors, as well as Tuj1 expression in a small number of cells.  No expression of Tuj1 

is observed for cells with growth factor stimul ation at these material conditions.  

Neither condition show cell spreading or neurite outgrowth.  Images are z -projections 

of 30 µm stacks. All scalebars = 100 µm. 

 



 

133 

 

 

Figure 37: Soluble GF signaling influences NSC behavior  in 0.26 kPa hydrogels with 

3.5 mM PEG-RGDS.   (a) NSCs in media with EGF and bFGF. (b) NSCs in media 

without soluble growth factors.  Nestin and GFAP expression are comparable in both 

conditions, but a higher number of cells without growth factors expres s Tuj1 than 

those with  growth factors.  In contrast, the number of cells extending projections and 

the length of the projections is gre ater in cells with growth factors.  Images are z -

projections of 30 µm stacks. All scalebars = 100 µm.  
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Figure 38: Soluble GF signaling affects NSC behavior in 4.4 kPa hydrogels with 1.75 

mM PEG-RGDS + 1.75 mM PEG-IKVAV.  (a) NSCs in media with EGF and bFGF. (b) 

NSCs in media without soluble g rowth factors.  Cells show reduced Nestin, GFAP, 

and Tuj1 expression in medi a without growth factors.  Images are z -projections of 30 

µm stacks. All scalebars = 100 µm. 
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Figure 39: Soluble GF signaling influences NSC behavior in 0.26 kPa hydrogels with 

1.75 mM PEG-RGDS + 1.75 mM PEG-IKVAV.  (a) NSCs in media with EGF and bFGF. 

(b) NSCs in media without solub le growth factors.  Nestin and GFAP expression are 

comparable in both conditions, but a higher number of cells without growth factors 

express Tuj1 than those with  growth factors.  In contrast, the num ber of cells 

extending projections and the length of the  projections is greater in cells with growth 

factors.  Images are z-projections of 30 µm stacks. All scalebars = 100 µm.  
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6.3.2.4 Representative images of each cul ture condition  

While all of  the above figures showing side -by-side comparisons of each culture 

condition only present one image of each condition, they were selected as representative 

examples of cell morphology and protein expression within each con dition  across all 

experimental samples.  To demonstrate that these images used for qualitative evaluation 

were indeed representative of cell behavior for each condition, we have included below 

figures with sets of 4 images for each experimental condition.  The fluorescent images in 

Figures 40-48 were collected across multiple hydrogels for each condition, and as such, 

show that cell behavior was overall consistent between samples for each condition. 

As shown in Figure 40, NSCs cultured in the “stiffer” hydrogels at 4.4 kPa 

hydrogels with PEG -RGDS and growth fact or stimulation consistently showed 

clumping  and no neurite extensions or Tuj1 expression.  NSCs in 0.26 kPa hydrogels 

with PEG-RGDS and growth factor stimulation instead s howed neurite -like projections 

but very limited Tuj1 expression  (Figure 41).   In 4.4 kPa hydrogels with RGDS + IKVAV 

and growth fac tor stimulati on, cells showed minimal  spreading or neurites, but low  

clumping .  A few cells expressed low levels of Tuj1 (Figure 42).  In 0.26 kPa hydrogels 

with RGDS + IKVAV and growth factor stim ulation (Figure 43), NSCs showed 

numerous extensive projections and a very small number of cells highly expressed Tuj1.   

For all conditions, removal of soluble growth factors affected Tuj1 expression.  In 

“stiff” hydrogels  functionalized  with PEG-RGDS and no soluble growth factor signaling, 
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NSCs consistently showed no clumping, mini mal spreading or neurite projection, but 

several cells expressing Tuj1 (Figure 44).  Cells in 0.26 kPa hydrogels with  PEG-RGDS 

and no soluble growth factors show several cells expressing Tuj1 but only a few short 

extended neurites (Figure 45).  NSCs in 4.4 kPa hydrogels with  RGDS + IKVAV without 

soluble growth factors did not show spreading or neurite outgrowth, a very small 

number of Tuj1-positive cells, and potentially poo rer health than other conditions, with 

lower Nestin staining (Figure 46).  Cells in 0.26 kPa hydrogels with RGDS + IKVAV and 

no soluble growth factors demonstrated very similar behavior to t hose in figure 45 with 

RGDS only:  several cells expressed Tuj1 and a few cells extended short neurites (Figure 

47).   
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Figure 40: NSCs cultured in 4.4  kPa PEG-PQ-PEG + 3.5 mM PEG-RGDS hydrogels 

without alloc in GF (+) media    Cells show rounded morphology, clumping, and no 

neuronal differentiation.  Representative images from multiple hydrogels.  All images 
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are z-projections of 30 µm stacks. All scalebars = 10 0 

µm.  

Figure 41: NSCs cultured in 0.26 kPa PEG-PQ-PEG + 3.5 mM PEG-RGDS hydrogels 

with alloc in GF ( +) media.  Cell s show some clumping but also substantial cell 

spreading and neurite -like projections from cells, and a very small number of Tuj1 -

positive cells . Representative images from multiple hydrogels.  All images are z -

projections of 30 µm stacks. All scale bars = 100 µm. 
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Figure 42: NSCs cultured in 4.4 kPa PEG-PQ-PEG + 1.75 mM PEG-RGDS + 1.75 mM 

PEG-IKVA V hydrogels without alloc  in GF + media .  Cells largely show rounded 

morphology with a small amount of spreading/cell projections, and a  small number of 

cells expressing low levels of Tuj1.   Representative images from multiple hydrogels.  

All images are z -project ions of 30 µm stacks. All scalebars = 100 µm. 
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Figure 43: NSCs cultured in 0.26 kPa PEG-PQ-PEG + 1.75 mM PEG-RGDS + 1.75 mM 

PEG-IKVAV hydrogels with alloc in GF + media .   Cells  show some clumping but 

also numerous long neurite -like proje ctions from cells, and a v ery small number of 

Tuj1 -positive cells. Representative images from multiple hydrogels.  All images are z-

projections of 30 µm stacks. All scalebars = 100 µm.  
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Figure 44: NSCs cultured in 4.4 kPa PEG-PQ-PEG + 3.5 mM PEG-RGDS hydr ogels 

without alloc in GF ( -) media.  Cells  show largely round ed morphology and some 

cells wi th strong Tuj1 expression.  Representative from multiple hydrogels.  All 

images are z-projections of 30 µm stacks. All scalebars = 100 µm.  
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Figure 45: NSCs cultured in 0.26 kPa PEG-PQ-PEG + 3.5 mM PEG-RGDS hydrogels 

with alloc in G F (-) media.   Cells  show largely rounded morphology with a few 

neurite -like extensions and some cells with strong Tuj1  expression. Representative 

im ages from multiple hydrogels.  All images are z -projections of 30 µm stacks. All 

scalebars = 100 µm. 
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Figure 46: NSCs cultured in 4.4 kPa PEG-PQ-PEG + 1.75 mM PEG-RGDS + 1.75 mM 

PEG-IKVAV hydrogels without alloc in GF ( -) media.  Cells show largely rounded 

morphology  and a very small number of cells with strong Tuj1 expression. 

Representative images from multiple hydrogels.  All images are z -projections of 30 

µm stacks. All scalebars = 100 µm. 
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Figure 47: NSCs cultured in 0.26 kPa PEG-PQ-PEG + 1.75 mM PEG-RGDS + 1.75 mM 

PEG-IKVAV hydrogels with all oc in GF (-) media.   Cells show largely rounded 

morphology with some clumping but several neurite -like extensions and several cells 

with strong Tuj1 expression. Representative images from multiple hydrog els.  All 

images are z-projections of 30 µm stacks. All sca lebars = 100 µm. 
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6.4 Discussion and Conclusions 

6.4.1 NSC culture and characterization in 2D 

NSCs cultured on PLO in media with EGF and bFGF demonstrated multipote ncy 

by expressing NSC markers Nestin and SOX2 with no Tuj1 expression.  It is of note that 

NSCs in media with growth factors on PLO are in a proliferative state and cannot be 

cultured for seven days without passage due to reaching 100% confluence by day 4.  

When cultured without growth fa ctors on PLO for seven days, cells adopted a more 

compact morphology with small neurite-like pro jections.  Nestin and GFAP expression 

were decreased and Tuj1 expression was increased, and some cells with strong Tuj1 

expression also showed distinct neuron m orpholo gy.  These studies confirm that these 

cells are self-renewing stem cells that are capable of neuronal differentiation.   While 

robust cell differentiation and neurogenesis is stimulated in 2D culture on PLO-coated 

tissue culture polystyrene by simply  removing EGF and bFGF from cell media, cell 

behavior in 2D culture on rigid surface s is rarely representative of their behavior in 

ECM-mimetic 3D cell culture systems. 

 

6.4.2 NSC encapsulation and behavior in 3D culture 

 Neural stem cells were encapsulated in hydrogels with 8 different combinations 

of environment al properties: hydrogel stiffness, adhesive peptide presentation, and 

soluble growth factor presentation , and were fixed after 7 days in culture.  Cells were 
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immuno stained for proteins Nestin, GFAP , and Tuj1, and imaged to evaluate cell 

behavior.  For each of the properties evaluated, pairwise comparisons were made for cell 

morphology and protein expression.   While one set of images was used per comparison, 

we also evaluated/observed and described several images across multiple gels for each 

condition, show ing consistency across images within each condition.  Though 

quantification of cell behavior was not possible, qualitative observations of many images 

has allowed us to identify patterns in cell be havior correlated to material properties and 

soluble signaling. 

6.4.2.1 Influence of hydrogel mechanical properties  

In agreement with many other culture systems in the field, hydrogel stiffness 

considerably influenced NSC behavior at all adhesive peptide and soluble growth factor 

conditions.  The effect of stiffness on NSC protein expression and cell morphology and 

the scale of cell behavioral changes caused by stiffness varied for different biochemical 

conditions, suggesting interacting effects of environm ental factors on NSC activity.  

In hydrogels cultured  in media with EGF and bFGF, the effect of stiffness on cell 

behavior was influenced by adhesive peptide signaling.  In gels functionalized with 

PEG-RGDS only, softer hydrogels led to both increased GFAP and Tuj1 expression and 

long neurite -like projections  as compared stiff hydrogels, i ndicating that softer gels are 

more supportive of early -stage neurogenic behavior.  Cells in hydro gels with RGDS and 



 

148 

IKVAV also extended long neurite-like cell projections in soft gels only; however, cells 

showed similar GFAP and Tuj1 expression across both stiff and soft gels. 

The effect of stiffness on NSC morphology was observed to be more limited in 

hydrogels cultured in media without gr owth factors.  For both hydrogels  with RGDS 

and RGDS + IKVAV, no cell spreading or projections were observed in stiff gels, while a 

small number of NSCs in 0.26 kPa hydrogels showed short neurite -like projections  and 

no long extensions.  Protein expression was differentially  affected, with greater GFAP 

expression in soft conditions for gels with RGDS only, and higher expression of all 

proteins in softer gels when functionalized with RGDS + IKVAV.  Thus, at conditions 

with no growth factor stimulation, the e ffects of stiffness on NSC protein expression are 

again influenced by adhesive peptide signaling.  

6.4.2.2 Influence o f immob ilized adhesive peptide signaling  

Next we tested the effect of substituting cell-adhesive peptide RGDS (3.5 mM 

PEG-RGDS covalently linked to matrix) , used widely in  hydrogel systems and known to 

bind multiple integrins on ma ny cell types with a combination of RGDS and IKVAV 

(1.75 mM PEG-RGDS and 1.75 mM PEG-IKVAV ) covalently linked to the matrix).  

IKVAV is a cell adhesive peptide doma in derived from NSC niche comp onent laminin  

shown in several studies (but not universally ) to promote neurogenic cell behavior in 

hydrogel culture systems.   



 

149 

In 4.4 kPa hydrogels in media with EGF and bFGF, adding IKVAV promoted soft 

tissue behavior, with  cells in gels functionalized with RGDS and IKVAV showing less 

clumping, higher GFAP expression, and the presence of Tuj1 as compared to highly 

clumped cells showing low GFAP and no Tuj1 expression in gels with RGDS only.  

At 0.26 kPa, protein expression di d not appear to be appreciably affected by 

adhesive signaling across both growth factor condi tions.  The impact of adhesive 

signaling  on NSC morphology  in soft gels did vary between growth factor conditions, 

however.  In gels with EGF and bFGF, cells in contact with IKAV showed extensi ons of 

greater length than in RGDS only.  In soft gels with no growth factor  stimulation, 

adhesive peptide signaling did not have a substantial impact on neurite formation  or 

length. 

Unexpected results were observed in 4.4 kPa hydrogels without growth fa ctor 

stimulation.  No changes in cell morphology were observed, but GFAP and Tuj1 

expression were higher in gels with RGDS alone than in gels with RGDS + IKVAV.  

While IKVAV was ass ociated with cells displaying more neurogenic b ehavior in gels 

with growth factor stimulation, it appeared to have no effect on cells in soft gels without 

soluble growth factors and a negative effect on neurogenic behavior in stiff gels without 

growth fact ors.  This again points to the influence of environmental factors being 

context-dependent, and indicates that further study of this specific  combination of 

mechanical and biochemical signals may be required. 
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Unlike mechanical cues, adhesive signaling did n ot have an appreciable effect on NSC 

behavior at all conditions.   This vari ation in degree of influence indicates interplay 

between environmental factors.  

6.4.2.3 Influence o f soluble growth factor  signaling  

EGF and bFGF, growth factors which influence NSC behavior within the NSC 

niche, are known mitogens and were shown to promote a proliferative state in 2D 

culture.  Here we evaluated the impact of soluble EGF and bFGF presentation on NSC 

behavior in 3D culture  while varying hydrogel  mechanical and adhesive propertie s. 

 In 4.4 kPa hydrogels with 3.5 mM PEG-RGDS, cells in media without growth 

factors showed considerably less clumping and more Tuj1 expression than those in 

media with EGF and bFGF, indicating improved soft tissue behavior/potentially more 

neurogenic behavior by removal of growth f actor stimulation .  The effects of soluble 

growth factor signaling differed in 4.4 kPa hydrogels functionalized with RGDS and 

IKVAV .  Cells in hydrogels cultured without growth factors showed reduced spreading 

and reduced Nestin, GFAP, and Tuj1 expression in comparison to those in media with 

growth factors.  These results, combined with the above results unexpectedly showing 

less neurogenic behavior in 4.4 kPa, 1.75 mM PEG-RGDS + 1.75 mM PEG-IKVAV with 

no EGF or bFGF than in 4.4 kPa, 3.5 mM PEG-RGDS with no EGF or bFGF may point 

instead to reduced cell health in the 4.4 kPa, 1.75 mM PEG-RGDS + 1.75 mM PEG-

IKVAV without growth factors condition.  
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 Growth factor stimulation had a similar effect on NSCs in 0.26 kPa hydrogels in 

both RGDS-functionalized and RGDS + IKVAV -functionalized hyd rogels.  For both 

adhesive conditions, cells showed more and significantly longer neurite-like projections 

in media with growth factors, but greater Tuj1 expression in media without growth 

factors.  These results suggest that the neurite-like extensions in the growth factor -

stimulated cells may not be neurites, and thus are referred to as neurite-like extensions. 

Observing patterns within these different hydrogel and media formulations (all 

of which were controlled independently) a llowed us to make inferences about the 

influences of each property on NSC morphology and protein expr ession and about 

interplay between these environmental factors.   

When comparing neurogenic behavior (neurite extension and Tuj1 expression) 

across biochemical conditions, clearer influences of adhesive peptide signaling on 

neurite outgrowth and of growth factor signaling on Tuj1 expression can be observed in 

the 0.26 kPa hydrogels as compared to the 4.4 kPa hydrogels.  These observations 

indicate that the alloc-mediated hydrogel  softness provides  a matrix  environment in 

which  the effects of other environme ntal conditions beyond stiffness can be studied. 

While this model system has not been optimized to drive NSC differentiation to 

mature and functional neurons in a controlled manner, we demonstrate here that it 

serves as a modularly tunable 3D neural culture system in which we are able to 

influence NSC behavior by altering material  properties.  As detailed above, we are able 
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to investigate combinations of properties and how they influence NSCs individually and 

in concert within this system.  This shows that we have developed an appropriate soft 

tissue culture system for modeling int eractions of the NSC niche and investigating the 

influence of single and multiple factors on NSC behavior in a reductionist environment.  

This system requires optimization, as robust neurogenesis was not stimulated at any of 

the conditions tested here, but the modularity of this system proves its appropriate ness 

for f urther adjustment of properties.  Potential next steps towards increasing 

neurogenesis include longer culture times, directed neurogenesis by known soluble or 

tethered neurotrophic factors  such as nerve growth  factor or brain -derived neurotrophic 

factor [271], and testing different adhesive peptide formulations  to better model the 

presentation of the RGDS and IKVAV domains in na tive laminin [78].  Adding  longer 

peptides better representing RGDS and its neighbors on laminin  may be an apt next 

choice.  
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7. Add dynamic signaling to hydrogel system via 
tethered photolabile cell-adhesive proteins   

7.1 Introduction: Dynamic signaling in hydrogels 

Beyond providing a mechanically supportive environment for sof t tissue culture, 

presenting the appropriate sequence of biochemical signals is critical to optimal tissue 

regeneration.  Cells are subject to dynamic signaling  environm ents during the process of 

regeneration as the natural stem cell niches are heterogeneous environments with 

transient and sequential signals [26, 44, 198, 199]. Much current research serves to design 

cell culture systems that model th e dynamism of stem cell niches that guide tissue 

regeneration [107, 196, 272] seek to model these controlled signaling events.  

To provide controlled soluble signaling beyond simple sustained relea se, 

strategies exist for 'switching on' the release state of a bound or entrapped biomolecule 

from a gel.  Photocleavage is implemented to release therapeutic and/or biological 

signals at determined time points  [273, 274].  In recent work in this field, one group 

combined biomaterial design with ultra sound technology, making a fibrin mat rix loaded 

wit h acoustically -sensitive emulsion containing bFGF. In response to ultrasound 

exposure, the emulsion evaporated, releasing bFGF and causing a temporally -controlled 

increase in endothelial cell tubule sprout ing [275].  Both methods allow both temporal 

and spatial control of molecule release.  Alternatively  to a single “on swit ch,” plasmin-

labile linkers have been implemented to tether biomolecule nerve growth factor  to a gel 
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that were then released upon neural cell secretion of  plasmin, resulting in enhanced 

neurite outgrowth  [276].  Matrix dynamism in response to cell signaling is advantageous 

in mod eling natural soft tissue interactions. 

Cells remodel their matrix envir onment during tissue regeneration, and thus 

dynamic control ov er proteins and peptides/biomolecules immobilized to t he hydrogel 

matrix is also a favorable design component of hydrogels for soft tissue engineering.  

Orthogonal linking methods can be used to  introduce biomolecule signals into the 

culture system with te mporal control.  For immobilized signal presentation, click 

chemistry is a commonly -used approach to covalently link bi omolecules to the hydrogel 

matrix [192, 195, 196]. Due to the specificity of click reaction pair s, functionalized  

biomolecules may be tethered to the network afte r the gel is formed, as their partners 

remain unreacted after crosslinking  [195, 277].  Covalent tethering of functionalized 

recombinant IFN-γ via click chemistry reaction strain -promoted alkyne -azide 

cycloaddition (S PAAC) was implemented to direct neural stem cell differentiation  [192].    

Some click chemistry  methods are light-initiated , and thus can be controlled 

geometrically  via photomasks or laser scanning [277-279].  The Schoichet group has 

performed signif icant work in designing synthetic microenvironmen ts by patterning 

biomolecules via thiol and sulphydryl  uncaging [280-282], activatin g these groups to 

bind f unctionalized biomolecules and stimulating neurit e outgrow th [282] and 

providing  VEGF165 patterning to promote tubulogenesis [280].  Another method of 
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covalently linking biomolecules to a matri x using light with spatiote mporal control is 

photoinitiated fr ee-radical-mediated bonding.  Focused light can be used to generate 

free radicals for covalent patterning to control cell spreading and migr ation [283, 284].  

Laser-scanning or two-photon lithography provide high pr ecision and resolution for 

linkin g vinyl -functionalized biomolecules to a matrix.  This has  been used to create a 

pattern of covalently teth ered adhesive peptides and VEGF, controlling vascular cell 

spreading/migration le ading to tubulogenesis [96, 98].  

Enzyme-mediated and affinity -based linking strategies have been employed as 

well [196], including sortase-facilitated ligation of glycine-terminated biomolecules to 

specific peptide sequences [285] and barnase-barstar and streptavidin -biotin binding of 

differentiation f actors [286]. Hammer et al successfully  implemented site-specific 

isopeptide bonding to tether cell-adhesive peptides to PEGDA gels and trigger changes 

in cell behavior  [287], further described in  the section below.   

Inversely, controlled release mechanisms exist for removing tethered signals, 

commonly implementing phot ocleavage of linkers [99, 288]. Unlike releasing a factor for 

soluble access, this method provides removal of an immobilized  biomolecule that may 

have influenced cell behavior though contact-mediated signaling .  Aff inity -based 

binding has also been implemented to remove bound biomolecules via competition: 

streptavidi n-conjugated RGD peptides bound to  a desthiobiotin -functionali zed agarose 

gel were removed by adding soluble biotin .  The peptides unbound from the 
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desthiobiotin and bound preferentially to the biotin d ue to streptavidin -biotin having 

higher binding affini ty than streptavidin -desthiobiotin , resulting in reduced vascular 

tubule for mation of  seeded endothelial cells [289]. 

Some methods have been combined for reversible addition of signals, though  all 

present considerable drawbacks.  For example, biotin -mediated removal of streptavidin -

conjugated biomolecules allow s for subsequent addi tion of different  streptavidin -

conjugated biomolecules for sequential signal presentation with temporal control  [289]; 

however, there is no geometric control m echanism for in vivo-mimeti c spatially 

heterogeneous signaling .  Sortase-mediated labeling, though reversible through addition 

of peptides with GGG sequences, is also limited to bulk addition  and bulk r emoval of 

biomolecules without spatial control [196]. 

One group has combined orthogonal photo-mediated reactions for subsequent 

additi on and removal of pepti des: modification of the RGD peptide with both a thiol  

group and an ortho-nitroben zyl  ether group allow ed visible light -stimulated thiol -ene 

peptide tetherin g to the matrix as well as UV-induced ortho-nitroben zyl  cleavage to 

remove the molecule [279].  These photo-mediated linking  and photocleavage strategies 

largely make use of coumarin and ortho-nitro benzyl-derived group s, which undergo 

effective photo-induced scission; however, they must undergo post-synthesis 

conjugation to the biomolecule  of interest that varies in efficacy and often renders the 

biomolecule significantly  reduced in bioactivity  [288].  Therefore, recombinant, or 
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genetically encoded molecules that contain both biomolecule and binding o r cleavage 

group  upon synthesis are appealing for consistent, facile, cell-safe dynamic imm obilized  

signaling in designer hydro gels. 

 

7.2 Introduction: Genetically-encoded dynamic signaling  

As mentioned briefly above, one additiv e signaling method makes use of specific 

binding between recombinant proteins SpyTag and SpyCatcher, which form self -

catalyzed isopeptide bonds (shown in Figure 48) that form  under a range of conditions 

[290].   Hammer et al harnessed this SpyTag-SpyCatcher binding m echanism for 

biomolecule presentation in syntheti c hydrogel design by conjugating SpyTag to Acryl -

PEG-Malemide to form Acryl -PEG-SpyTag that covalently linked into the hydrogel at 

crosslinking sites via f ree radical polymerization during  initial hydrogel f ormation.  

 

Figure 48: Isopeptide bond formation between SpyTag and SpyCatcher establishes a 

biomolecule -functio nalized Acrylate-PEG chain. 

Recombinant proteins designed as SpyCatcher-biomolecule were diffused into 

the gel, demonstrating efficient bindin g to SpyTag (and thus tethering to the matrix) and 

influencing cell behavior  [287, 291]. Cells encapsulated in PEG-PQ-PEG + PEG-SpyTag 
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gels showed a rounded,  unspread morphology. After incubation in RG DS-SpyCatcher 

protein solution, cells began spreading within the hydrogel, indicating SpyTag -

SpyCatcher binding had rendered th e matrix cell-adhesive [287]. This method was also 

used with two post -gelation orthogonal bond ing mechanisms (SpyTag-SpyCatcher and 

SnoopTag-SnoopCatcher) to separately control tethering of cell -adhesive peptide RGDS 

and pro-vasculogenic peptide Qk [291].  

Unlike endogenous signaling, however , this signaling i s not reversible, as 

SpyTag-SpyCatcher binding results in permanently tethered biomolecules.  For 

improved modeling of these biological proces ses, a mechanism for tethered biomolecule 

removal must be added to this system. Here we achieve this by recombinantly 

combining for the first time SpyCatcher -Biomolecule wi th photocleavable protein 

domain “PhoCl” in a single macromolecule capable of first binding to PEG-SpyTag, then 

undergoing cleavage in response to long wavelength UV light to release the biomolecule 

[292].  These two steps are depicted in Figure 49. The PhoCl domain is a fluorescent 

protein  that is susceptible to beta-elimination and permanent backbone cleavage under 

exposure to ~400 nm light .  Originally developed by Z hang et al for uncaging proteins 

within cells [292, 293], PhoCl has also been previously used as a photocleavable linker to 

remove covalently bound proteins from hy drogel networks [288]. This is, however, its 

first incorporation  into a system where the protein can be added post-gel-synthesis, 
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affordi ng reversible control over biological signaling within our reductionis t synthetic 

hydrogel culture system.  

 

Figure 49: Combini ng the SpyCatcher and PhoCl domain allows for addition  and 

removal of a biomolecule.   (a) SpyTag and SpyCatcher for m an isopeptide bond. (b) 

The PhoCl domain is clea ved under 405 nm light exposure, re leasing the biomolecule.  

 

7.2 Materials and Methods 

7.2.1 Protein expression and purification 

7.2.1.1 E coli culture  

Recombinant proteins RGDS-mCherry -Spycatcher (RGDS-SC) and RGDS-

mCherry-PhoCl-SpyCatcher (PhoCl-SC) were designed via pGS-21a vector plasmid 

(Genscript) and expressed in Ultra BL21 (DE3) E. coli (Edge Biosystems or New England 

Biolabs).  Stocks of Ultra BL21 cells were frozen down in glycerin and stored at -80 °C. 
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Agar plates for bacterial growth were made b y dissolving 15 g/L agar in 2x YT 

media (16 g/L Casein, 10 g/L yeast extract, 5 g/L NaCl i n H 2O), then autoclaving the 

mixture and addin g 50 mg/L ampicilli n sodium salt.  This final solut ion was poured in to 

petri dishes and allowed to cool at room temperature.  The plates were stored upside 

down at 4 °C.  An autoclaved micropipette  tip  was used to scrape a small amount of 

frozen cell slurr y from the  frozen glycerin stocks and streaked mult iple times across the 

agar surface to distrib ute individual E. coli cells.  Then the plates were placed upside 

down in a 37 °C oven overnight to a llow  the grow th of colonies.  A fter the initial growth, 

plates with bacteria were again stored upside down at 4 °C. 

7.2.1.2 Protein expression 

5 mL starter aliquots of 2x YT media were made with 50 mg/L ampicilli n sodium 

salt.  An autoclaved  micropip ette tip w as used to scrape a single colony from an Ultra 

BL21 agar plate, then the tip was dropped in to the starter tube.  Starter tubes were 

placed into a shaker set to 250 rpm and 37 °C until the solution was cloudy from cell 

density (optimally overnigh t).   

E coli  growth  media was made by adding to 500 mL Terrific Broth media  to each 

2 L Erlenmeyer flask (12g/L Casein Peptone, 24g/L Yeast extract, 2.2g/L Potassium 

Phosphate, Monobasic, 9.4g/L Potassium Phosphate, Dibasic, 4 mL/L glycerol) , 

autoclaving t he broth, and then adding 50 mg/L ampicillin salt upon cooling.  Upon 

reaching cloud y density, the contents of each starter tube w ere poured into a flask and 
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continued shaking at 250 rpm at 37 °C.  When cell density in  the flasks reached OD 600 = 

0.6-0.8 (2-3 hours), the temperature of the shaker was lowered to 26 °C and 0.5-0.8 mM 

isopropyl β-D-1-thiogalactopyranoside (IPTG) was added to each flask to induce protein 

expression.  The proteins were allowed to express overnig ht. 

7.2.1.3 Protein purification  

After overnight expr ession, the E. coli cell suspensions were centrifuged at 4000 

G at for 10 minutes at 4 °C, and the supernatant was decanted and discarded.  The cell 

pellets were frozen at -80 °C, then thawed to aid in cell lysing.  The cell pellets were 

suspended in protease-inhibited lysis buffer  (50 mM tris base, 260 mM NaCl , 10 mM 

imidazole, pH 7.5 + SIGMAFAST EDTA-free protease inhibi tor cocktail (Sigma)) w ith 

200 μg/mL deoxyribonuclease 1 (Sigma), and 200 μg/mL lysozyme added.  The cell 

slurry was mixed in this solution for 30 minutes at 4  °C, and then sonicated on ice to lyse 

cell membranes.  A  sonicating probe was submerged in the cell slurry w ith 10 cycles of 

15 seconds on, 30 seconds off to avoid overheating of the proteins.  The cell slurry was 

then again centrifuged at 4 °C for 10 minutes at 20000 G to separate the lysed cell 

membranes and DNA content from t he expressed protein solut ion, whi ch was decanted. 

The protein solution was used to suspend Ni -NTA agarose resin, and this 

mixture was mixed on the rocker at 4 °C for 1-2 hrs, then pipetted into a gravity -driven 

column, where the protein solu tion flowed th rough while the N i-NTA  agarose resin 

settled into a column.  The column was then rinsed with was h buffer (50 mM tris base, 
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260 mM NaCl, 20 mM imidazole, pH 7.5 + SIGMAFAST EDTA-free protease inhibitor 

cocktail (Sigma)) to remove weakly -bound proteins, foll owed by the eluti on buffer (50 

mM tr is base, 260 mM NaCl, 250 mM imidazole, pH 7.5 + SIGMAFAST EDTA -free 

protease inhibitor cocktail (Sigma)), the eluant of which was collected as the protein of 

interest.  As both proteins of interest in these studies possess a fluorescent mCherry 

domain, the visible color of the proteins was used as a guide for collecting the 

appropriate elution fractions .  Protein concentrations were evaluated by measuring the 

m- Cherry absorbance of a protein solution at 587 nm via Cary 50 spectrophotometer 

(Vari an Medical Systems). Beer’s Law, shown in equation 3, was implemented to 

quantify protein concentration.  

 

Equation 3: Beerɀs Law.  ɯǻɯÈÉÚÖÙÉÈÕÊÌɯÝÈÓÜÌȮɯϘɯǻɯÌßtinction coefficient (72000 L/mol -

cm for mCherry), b = path length in cm (1 for this application) and c = protein 

concentration in M.    

 

7.2.2 PEG-SpyTag conjugation and characterization 

Recombinant peptide C-SpyTag (CAHIVMVDAYK PTK, Genscript) was 

conjugated to Acryl -PEG-Malemide to make Acryl -PEG-SpyTag via a thiol -maleimide 

conjugation mechanism.  This reaction schematic is shown in Figure 50 below. 
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Figure 50: Acryl -PEG-M aleimide reacts with C-SpyTag peptide to form Acryl -PEG-

SpyTag 

 

SpyTag was dissolved in 1 mL anhydrous  DMSO (Sigma), then maleimide buffer 

(12 g/L NaH 2PO4 in H 2O, pH 7.2, stored under Argon ) was added to the solution to a 

final volume /volume percentage of 20% DMSO.  Then Acryl-PEG-Maleimide (3200 Da, 

Laysan Bio, Arab AL) was added at a molar ratio of 1 mol Acryl -PEG-Maleimide to 1.2 

mol SpyTag.   The solution pH was adjusted to ~7.3 using HCl and NaOH, then the 

solution was rocked overnight at high agitation  at room temperature, then di alyzed 

against ultrapure H2O with a d ialysis membrane of 3.5 kDa pore size (Spectrum Labs) 

with >6 exchanges of water over 2 nights to remove unreacted species.  Then the 

solution was frozen and lyophilized for 2 nights, then conjugation was verified via 

MALDI mass spectrometry (Bruker) in li near positive mode using Bruker matrix HCCA 

(2-Cyano-3-(4-hydroxyphenyl) acrylic acid) to evaluate mo lecular weight.  
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7.2.3 In-solution binding and cleavage 

To determine the SpyCatcher-SpyTag binding efficiency, 25 µM PhoCl-SC was 

combined with Acryl -PEG-SpyTag in PBS at molar ratios of 1:1, 1:2, 1:3, 1:4, and 1:10 

PhoCl-SC:Acryl-PEG-SpyTag.  The solutions were incubated for 5 hours at room 

temperature, then samples from each solution, as well as unreacted PhoCl-SC, were 

exposed to long-range 405 nm light at 500 mW/cm 2 for 120 seconds before running on 

SDS PAGE gel (BioRad, any kD Mini Pr otean TGX) to evaluate molecular weight of 

proteins and fragments.  RGDS-SC was also characterized before and after the same 405 

nm light  exposure conditions via SDS PAGE.  

SDS-PAGE characterization consisted of making each sample by mixing 6 µL 25 

µM protein solu tion with 4 µL loading buffer ( 250 mM Tris HCl, 500 mM dithio threitol, 

10% sodium dodecyl sulfate, 0.5% bromophenol blue, 50% glycerol) and 10 µL PBS, then 

boiling the samples for 5 minutes to denature the proteins.  Each sample was then 

loaded into the wells of the SDS PAGE acrylamide hydrogel, w hile one lane was loaded 

with 10 µL protein ladder  (Biorad) for reference.  The gel placed in the electrophoresis 

chamber and was run for 120 minutes at a constant vol tage of 100 V for 120 minutes in 

SDS PAGE running  buffer  (3.03 g/L Tris Base, 14.4 g/L gl ycine, 1 g/L sodium dodecyl 

sulfate).  The SDS PAGE gel was removed from the chamber, rinsed in water, stained 
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with Bio -safe coomasie stain at gentle agitation for 1 hr, and then destained in wa ter at 

gentle agitation for several hours before imaging. 

7.2.4 In-hydrogel binding and cleavage 

5% weight/volume PEGDA hydrogels were fabricated as  in section 3.3 with 50 

µM PEG-SpyTag.  Hydrogels were swollen for 2 hr in 25 µM PhoCl-SC or 25 µM RGDS-

SC solution at 4 °C, then rinsed overnight w ith 3 exchanges of PBS to remove any 

unreacted protein.  Hydrogels were imaged with a Ziess Axiovert 135 epifluorescence 

microscope at 560 nm excitation/645 nm emission (5x CP-Achromat objective, N A: 0.12) 

and fluorescence intensity was evaluated for each sample by quantifying the raw 

integrated density of a 1000-pixel region of interest using the selection brush tool in 

ImageJ.  After imaging,  hydrogels were exposed to long-range 405 nm light  at the 

following conditions: 60 sec, 35 mW/cm 2, 60 sec 180 mW/cm2, 60 sec, 500 mW/cm2, 90 sec 

35 mW/cm 2, 90 sec 180 mW/cm2, 90 sec 500 mW/cm2, 120 sec mW/cm 2, 120 sec 180 

mW/cm2, and 120 sec 500 mW/cm2 (n=4).  To evaluate the spatial control of light -

mediated PhoCl domain cleavage, one hydrogel  labeled with PhoCl -SC and one labeled 

with RGDS-SC were exposed to 405 nm light through a patterned photo mask.  All 

hydrogels were rinsed overnight with 3 exchanges of PBS following exposure and then 

imaged again with th e same imaging conditions as before exposure.  Fluorescence 

intensity was quantified in ImageJ as before.  The percent reduction in red fluorescence 
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was calculated for each hydrogel.  For patterned hydrogels, a 800 pixel line was drawn 

on each gel image and the ImageJ plot profile function was used to determine th e 

change in fluorescence intensity across this line for each gel. 

7.2.5 Cell culture and cytotoxicity evaluation 

NIH 3T3 fibroblasts were cultured in Dulbecco’s Modified Eagle’s Medium, High 

Glucose without Phenol Red with 10% v/v bovine calf serum (BCS, Sigma, St. Louis, 

MO, USA) and 100 U/mL penicillin, 0.1 mg/mL streptomycin, 0.92 mg/mL L -glutamine 

(GPS) and 5% Glutamax. 

For evaluating cytocompatibility of cleavage-inducing light  exposure, 3T3s were 

plated on tissue culture polystyrene  at 15000 cells/cm2.  At 24 hr after seeding, cells were 

exposed to long-range 405 nm light at the following conditions: 60 sec, 500 mW/cm2, 90 

sec 500 mW/cm2, 120 sec 180 mW/cm2, and 120 sec 500 mW/cm2.  Media was exchanged 

immediately after light exposure.  Three wells wer e tested for each condition, with 3 

control wells with no UV exposure.   At 24 hr after UV exposure, the cells were tested for 

viability using a Live/Dead cytotoxicity assay (ThermoFisher, Waltham, MA, USA): cell 

media was removed and replaced with 1× PBS containing 4 µM ethidium ho modimer 

(EthD-1) and 24 µM calcein AM. The cells were incubated in this solution f or 15 min at 

37 °C. Cells were then imaged with a Ziess Axiovert 135 epifluorescence microscope at 

480 nm excitation/535 nm emission for calcein AM and 560 nm excitation/645 nm 
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emission for EthD-1 (10× Plan-Neofluar objective, NA: 0.3).  3 fields of view w ere taken 

of each hydrogel and all live (green) and dead (red) cells were quantified usin g ImageJ 

(National Institutes of Health, Bethesda, MD, USA) . The percentage of live cells was 

calculated. 

7.2.6 Fibroblast Cell Adhesion and Removal in 2D culture with PhoCl 
Cleavage 

5% weight/volume PEGDA hydrogels were fabricated with 60 µM tethered PEG-

SpyTag and were incubated upon gelation in  a sterile solution of 15 µM PhoCl-SC in 

PBS for 6 hours at 4 °C.  Then they were rinsed overnight in PBS to remove unreacted 

protein.  Cells cultured as described above were seeded at 15000 cells/cm2 on hydrogels 

after rinsing and then incubated at 37 °C and 5% CO2.  At 24 hr after cells were seeded, 

the gels were rinsed wi th prewarmed media to remove unattached cells.  Then gels were 

imaged Ziess Axiovert 135 epifluorescence microscope using phase contrast to 

visualize cells and at 560 nm excitation/645 nm emission to quantify mCherry 

fluorescence (5× CP-Achromat objective,  NA: 0.12).  After imaging, the gels were 

exposed to 405 nm light at 500 mW/cm2 for 120 sec, then immediately rinsed again with 

prewarmed cell m edia.  Gels were again incubated at 37 °C and 5% CO2.  At 1 hr after 

exposure and 2 hr after exposure, gels were rinsed with prewarmed cell media .  At 2 hr, 

hydrogels were imaged with the same imaging conditions as before UV exposure. 
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Phase images were used to quantify changes in cell number and fluorescent 

images were used to quantify changes in the concentration of protein linked into the 

hydrogels (same fluorescence quantification method as in section above).  Cell culture 

plates containing hydrogels we re covered with aluminum foil to prevent ambient light 

exposure. 

7.2.7 Fibroblast Cell Spreading in 3D culture with Reversible 
Adhesive Signaling via PhoCl Cleavage 

Fibroblasts were encapsulated in 3% weight/volume PEG-PQ-PEG hydrogels 

with 10 µM PEG-SpyTag.  At 2 hr after encapsulation, hydrogels were imaged on a Zeiss 

Axiovert 135 using phase contrast (10× Plan-Neofluar objective, NA: 0.3)  to confirm that 

cells were not spreading.  Then cell media was removed and cells were incubated in a 

sterile solution  of 15 µM PhoCl-SC in PBS for 2 hr at 37 °C, after which the PhoCl-SC 

solution was rep laced again by cell culture media.  12 hr after PhoCl-SC incubation, the 

hydrogel s were imaged at 10x magnification using phase contrast as before tagging with 

PhoCl-SC.  Then the experimental hydrogels were exposed to 405 nm light at 500 

mW/cm 2 for 120 seconds and rinsed immediately after with cell culture media, while 

control gels were simply rinsed wit h cell culture media.  48 hr after light exposure, 

hydrogels were fix ed in pre-warmed 4% paraformaldehyde in PBS for 45 minutes with 

constant agitation.  After 3 rinses in room temperature PBS to remove the 

paraformaldehyde, cells were permeabilized by incubating in 0.25% Triton-X in PBS for 
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45 minutes at room temperature w ith constant agitation.  After 3 PBS rinses, cells were 

incubated in 4′,6-diamidino -2-phenylindole (DAPI  nuclear stain; Sigma) and Alexa Fluor 

488 phalloidin (F-actin probe, Thermo) at 4 °C overnight, then rinsed in PBS and imaged 

on the Zeiss 510 inverted confocal microscope using a 10X EC Plan-Neofluar objective 

(NA = 0.30).  100 µm stacks of 2 µm slices were scanned for each sample.  Cell culture 

plates containing hydrogels  were covered with aluminum foil to prevent ambient light 

exposure. 

 

7.3 Results 

7.3.1 PEG-SpyTag conjugation and characterization  

The molecular weigh t of the conjugated Acryl -PEG-SpyTag and unreacted Acryl-

PEG-Malemide  were characterized via MALDI mass spectrometry (Bruker) in linear 

positive mode using Bruker matrix HCCA (2 -Cyano-3-(4-hydroxyphenyl) acrylic acid) .  

Both samples showed a distribution o f molecular weight s centered around the average 

molecular weight, as is characteristic of PEG-containing spectra.  The Acryl-PEG-

Malemide peaks were centered around 3700 Da/z, while the conjugated Acryl -PEG-

SpyTag peaks were centered around 5300 Da/z, corresponding to a ~1600 Da increase, or 

approximately the molecular weig ht of C- SpyTag (1576 Da).  The plotted spectrum in 

Figure 51 shows efficient conjugation of Acryl -PEG-SpyTag.   
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Figure 51: MAL DI spect ra of unreacted Acry l -PEG-Malei mide and conjugated Acryl -

PEG-SpyTag.   Acry l -PEG-Malei mide  is centered at ~3700 Da/z.  Conjugated Acryl -

PEG-SpyTag is centered at ~5300 Da/z.  This shift correspon ds to the the molecular 

weight of C - SpyTag (1576 Da), indicating successful conjugation . 

 

7.3.2 PhoCl-SC protein shows in-solution binding and photocleavage 

SDS PAGE gels stained with BioSafe coomasie staining (Figure 52) demonstrated 

that PhoCl-SC and RGDS-SC were successfully expressed and purified by the bands at 

71.8 kDa (lane 1) and 43.4 kDa (lane 3), respectively.  PhoCl-SC was also shown to cleave 

under 120 sec exposure to 405 nm light at 500 mW/cm2.  (lane 2, large cleaved fragment 

containing RGDS and mCherry  domain s at 54 kDa and small cleaved fragment 
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containing SC domain at 17.8 kDa), while RGDS-SC subjected to the same light exposure 

did not show any cleavage (lane 4).   

Characterization via SDS PAGE gels showed effective SC-SpyTag binding and 

cleavage of the PhoCl domain  when bound to PEG chains (Figure 52).  Different  molar 

ratios of PhoCl-SC:PEG-SpyTag were tested, with mola r excesses of PEG-SpyTag.  The 

binding efficiency can be determined by evaluating the size of the small cleavage 

fragment in l ight -exposed samples: the small fragment in unbound PhoCl-SC contains 

the SC domain (17.8 kDa) while the small fragment in bound PhoCl-SC contains the SC 

domain, as well as the PEG-SpyTag (23.8 kDa).  It can be seen by comparing the bands at 

17.8 kDa and 23.8 kDa in lanes 5 through 9 that effective SC-SpyTag binding occurs at 

2:1 and higher molar ratios of PEG-SpyTag: PhoCl SC.  Lane 10 shows unexposed PEG-

PhoCl with a minimal band at 54 kDa a nd a larger band at 77.1 kDa for uncleaved PEG-

SpyTag-SC-PhoCl. 
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Figure 52:  SDS PAGE gel demonstrates effect ive PhoCl  cleavage and SpyTag-

SpyCatcher binding in solutio n.  PhoCl -SC indicates RGDS-mCherry -PhoCl-

SpyCatcher and RGDS-SC indicates RGDS-mCherry -Spycatcher.  PEG:PhoCl is 

molar ratio of Acryl -PEG-SpyTag: RGDS-mCherry -PhoCl-SpyCatcher.  Lanes 1-4: 

PhoCl-SC shows cleavage at 120 sec exposure to 405 nm li ght, 500 mW/cm 2.  RGDS 

does not cleave under these exposure conditions.   Lanes 5-9: PEG:PhoCl mol ar ratios 

of ȁ 2:1 show effective binding. Lane 10: Unexposed PEG-Phol -SC demonstrates 

mi nimal cleavage. 

 

7.3.3 PhoCl-SC shows binding to hydrogel and photocleavage 

To determine the efficiency of the PhoCl moiety cleavage in response to 405 nm 

light in the context of PEGDA hydrogels, 5% w/v PEGDA + 50 µM PEG-SpyTag 

hydrogels tagged with either PhoCl -SC or RGDS-SC were exposed to 6 different 405 nm 

light conditions and the c hange in fluorescence intensity at 555 nm was evaluated via 
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fluorescence microscopy.  Decrease in fluorescence in gels tagged with RGDS-SC is 

assumed to be due to photobleaching of the mCherry fluoropho re, as the RGDS-SC 

recombinant protein possesses no photocleavable domain.  At low light power  (35 

mW/cm 2), there is no significant difference between mCherry fluorescence decrease in 

RGDS-SC-tagged gels and PhoCl-SC-tagged gels, indicating no significant cleavage of 

the PhoCl domain.  At higher power light e xposure (180 mW/cm2 and 500 mW/cm2), 

PhoCl-SC gels have significantly greater reduction in mCherry fluorescence than RGDS-

SC gels, indicating mCherry removal via Pho cl cleavage (Figure 53).  Across all time 

exposure conditions for 180 mW/cm2 and 500 mW/cm2, the average diff erence in 

fluorescence reduction between PhoCl and RGDS was: 19.18 ± 1.62%. (At the exposure 

times tested, there was no significant difference in fluorescence reduction caused by the 

time of exposure within each power level group .)   
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Figure 53: 405 nm light exposure causes PhoCl domain cleavage , resulting in greater 

mCherry reduc tion i n PhoCl -SC-tagged PEGDA + PEG-SpyTag hydrogels than 

RGDS-SC-tagged gels. Decrease in mCherry fluorescence is directly related to  l ight 

power.  Valu es reported as mean ± S.D. n= 4 hydrogels per condition.  n.s. indicates no 

significant differenc e, * p < 0.05, ** p < 0.001, indicating a statistically significant 

difference. Statis ti cal analysis evaluated within each light power level by one-way 

ANOVA f ollowed by Tukey ɬKramer HSD tests.  

 

5% PEGDA + 50 µM PEG-SpyTag hydrogels tagged with 25 µM PhoCl-SC or 

RGDS-SC were exposed to 405 nm light through a striped photomask.  Images of 

hydrogel red fluorescence taken before and after exposure show a removal of mCherry 

in the PhoCl-SC-tagged hydrogel in a pattern matching that of the photom ask (Figure 

54a).  As the Ziess Axiovert 135 epifluorescence microscope camera produces black and 

whit e images, grayscale value was used as a proxy for fluore scence intensity.  The 
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grayscale values along an 800-pixel  line was plotted f or before and after images, (Figure 

54b) and the graph further demonstrates spatial control over fluorescent mCherry 

removal; the dim regions of the image, corresponding to exposed stripes, have 

approximately 21% lower fluorescence than the bright regions that were unexposed .  In 

comparison, the hydrogels labeled with RGDS-SC did not show as stark of a contrast in 

fluorescence intensity (Figure 54c), with approximately 3 % less fluorescence in the dim, 

light exposed stripes than the bright er regions (Figure 54d). 

 

Figure 54: Spatial control over PhoCl -SC cleavage and biomolecule remo val can be 

achieved wi th a photopatterned mask.  (a) Grayscale images of 560 nm excitation/6 45 

nm fluorescence taken of PhoCl -SC-tagged gel before and after 4 05 nm light e xposure 

through photom ask. (b) Quantification of graysc ale values along 800 pixel line drawn  

on images from a.  Fluoresence brightness follows photomask pattern .  (c) Grayscale 

images of 560 nm excitation/645 nm fluorescence taken of RGDS-SC-tagged gel before 

and after 405 nm light exposure through photomask . (b) Quantification of graysc ale 

values along 800 pi xel line drawn  on images from c.  Changes in g rayscale values are 

minim al.   
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7.3.4 Photocleavage light exposure conditions are cell-compatible 

Cytocompatib ility of cell exposure to long-range UV l ight capable of cleaving 

PhoCl was assessed next.  At 24 hours after exposure, NIH 3T3s exposed to 405 nm light 

at 180 mW/cm2 for 120 sec showed 99.71 ± 0.09% viability , 500 mW/cm2 for 60 sec 

showed 99.30 ± 0.47% viability, 500 mW/cm 2 for 90 sec showed 99.22 ± 0.13% viability, 

and 500 mW/cm2 for 120 seconds showed 98.29 ± 0.66% viability.  None of these values 

differed significantly fro m the viability o f cells not exposed to 405 nm light at 99.23 ± 

0.612 viability (p -value = 0.1005 by oneway ANOVA)  (Figure 55a).  Figure 55b-f shows 

representative Live/Dead stainin g images of each condition. 

 

Figure 55: 405 nm ligh t exposure condit ions for PhoCl cleavage are cell -compati ble.  

(a) Percentages of live cells at 24 h after light exp osure. Values reported as mean ± 
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S.D. n = 3 wells.  n.s. indica tes no significant difference. p = 0.1005. Statistical ana lysis 

evaluated by one-way ANOVA.  (b) Live/Dead image , no exposure control. (c) 

Live/Dead image , 120 sec at 180 mW/cm2. (d) Live/Dead im age, 60 sec at 500 mW/cm2. 

(e) Live/Dead image , 90 sec at 500 mW/cm2. (f) Live/Dead image , 120 sec at 500 

mW/cm 2.  All images taken at 24 h after light expo sure. Scale bars = 200 µm. 

 

7.3.5 Fibroblasts show reversible cell adhesion in 2D culture with 
PhoCl cleavage 

The PhoCl cleavage technology was tested for providi ng temporally controlled 

biological signaling to 3T3 cells by seeding cells on 5% PEGDA + 60 µM PEG SpyTag 

hydrogels labeled with 15 µM PhoCl-SC and evaluating the number of cells adhered to 

the surface before and after exposure to 405 nm light.  An appreciable difference was 

observed in the percentage of cells that detached from the hydrogels surface between 

hydrogels that were not exposed to 405 nm light (control condition, Figure 56a before 

and Figure 56b after 2 hours) those that were exposed to 405 nm li ght, 500 mW/cm2, for 

120 seconds (Figure 56c before, and Figure 56d 2 hours after exposure), with  

significantly greater cell removal in the exposed gels than the non-exposed.  

Fluorescence reduction in the gels was quantified , with 30.42% ± 2.18% reduction in red 

fluorescence in exposed gels significantly greater than 1.04% ± 1.09% reduction in 

flu orescence in unexposed hydrogels (Figure 56e).  Correspondingly, 73.36% ± 21.47% of 

cells were detached from exposed hydrogels after the exposure treatment, whi le the 

change in cell number for the non-exposed gels was an increase by 0.02% ± 16.95%, 
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which can be attributed to imaging artifacts , slight difference in field of view , or cell 

proliferation  (quantifications shown in Figure 56e). 

 

Figure 56: 405nm light exposure results in tethered PhoCl cleavage and detachment of 

3T3s seeded on PEGDA hydrogels.    (a) Phase contrast image of 3T3s 24 hr after 

seeding with no light  exposure.  (b) Phase contrast image of 3T3s on hydrogel surface 

2 hours after initial  image. Control c onditi on, no 405 nm light exposure.  ( c) Phase 
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contrast ima ge of 3T3s 24 hr after seeding before light  exposure. (d) Phase contrast 

image of 3T3s on hydrogel s urf ace 2 hours after 120 second 405 nm light exposure at 

500 mW/cm2.  A ll scalebars = 200 µm. (e) Quantification of percentage change in 

fl uoresence intensi ty  and number of cells adhe red to hydrogel surface before and 

after light exposure. Values reported as mean ± S.D. n = 7-8 hydrogels per condition. 

*** p < 0.0001, indicating a statistically significant difference  as evaluated by 2ÛÜËÌÕÛɀÚ 

t-test. 

   

7.3.6 Fibroblast cell spreading in 3D culture is influenced with 
reversible adhesive signaling via PhoCl cleavage 

Here reversible signaling was tested in a more physiologically relevant 3D cell 

culture model, where 3T3 cells were influenced by both addition and subsequent 

removal of the adhesive RGDS moiety via SpyTag-SpyCatcher binding followed by 

PhoCl domain cleavage.  3T3s encapsulated in 3% w/v PEG-PQ-PEG + 10 µM PEG-

SpyTag hydrogels were confirmed to show round morphology with no spreading at two 

hours after encapsulation via phase microscopy (Figure 57a).  12 hours after being 

incubated in 10 µM PhoCl-SC solution, phase microscopy images showed initial cell 

spreading (Figure 57b).  At this time, experimental hydrogels were exposed to 405 nm 

light at 500 mW/cm 2 for 120 seconds.  Hydrogels were fixed 48 hr after exposure and 

3T3s were shown via confocal microscopy to display strikingly different morphology 

between the non-exposed control hydrogels and the exposed hydrogels (Figure  57c-d).  

Cells in non-exposed hydrogels showed extensive spreading and cell-cell contact 

(representative images in Figure 57c), while th ose in exposed hydrogels showed more 
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round ed cell morphology, lowe r cell density, and less cell-cell contact and network 

formation (representative images in Figure 57d).  Correspondingly, the exposed 

hydrogels experienced a 31.84% ± 0.71% decrease in red fluorescence intensity while 

non-exposed controls experi enced a 13.49% ± 1.85% decrease. 

 

Figure 57: PhoCl cl eavage leads to reduced fibroblast spreading in 3D cell culture.   (a) 

Phase contrast image of 3T3s 2 hr after encapsulation in 3% w/v PEG-PQ-PEG + 10 µM 

PEG-SpyTag.  Cell spr eading is minimal.  (b) Phase contrast image of 3T3s 12 hr after 

incubation in 15 uM PhoCl-SC solution  and im mediately before 405 nm light 

exposure.  Initial cell spreading is vi sible.  (c) Representative confocal images of 3T3s 

48 hr after image (b) was taken.  100 µm stack z-projection.  (d) Representative 

confocal images of 3T3s 48 hr after 405 nm light e xposure (500 mW/cm2, 120 seconds).  

100 µm stack z-projection.   Blu e = DAPI, Green = Phalloidin -Alex a Fluor 488. 
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7.4 Discussion and conclusions 

Many metho ds have been designed for adding dynamic signal presentation to 

hydrogel s; however, few systems exist for modeling reversible signaling events.  It has 

been well documented that soft tissue regeneration processes, including neurogenesis, 

angiogenesis, and wound healing, are complex, multi -step processes that require 

controlled sequential  signaling [44, 198, 199].  Therefore, hydrogel systems for 

supporting soft t issue culture should have a mechanism for both adding and removing 

biomolecules to model transient signaling.  Here we developed and evalu ated a 

recombinant protein containing: a bioactive RGDS cell-adhesive peptide domain, a 

SpyCatcher domain for isopepti de bond-mediated tethering to the PEG matrix, and a 

PhoCl domain connecting the RGDS to the SpyCatcher. 

We first demonstrated that the PhoCl-SC could bind to SpyTag and undergo 

cleavage of the PhoCl domain under exposure to 405 nm light, evaluated by SDS-PAGE.  

This demonstrated that both the SpyCatcher and PhoCl domain retained their 

functionality when combined in one molecule.   We then tested binding and cleavage 

within a PEGDA + PEG-SpyTag hydrogel.  As PhoCl-SC was designed with an mCherry 

fluorescence domain between the RGDS and PhoCl, cleavage can be quantified by the 

reduction in mCherry fluorescence in the gel.  To determine the effective extent of PhoCl 

cleavage, the reduction in mCherry fluorescence of gels tagged with PhoCl-SC was 

compared to that of gels tagged with RGDS-mCherry -SC with no Ph oCl domain (RGDS-
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SC) upon exposure to 405 nm light.  While some decrease in fluorescence was observed 

across all exposure conditions for RGDS-SC-tagged gels, this was attributed to mCherry 

photobleaching.  For all exposure times tested, PhoCl-SC-tagged gels showed 

significantly greater reduction in fluorescence than RGDS-SC gels at 180 mW/cm2 and 

500 mW/cm2, indicating significant mCherry removal by PhoCl cleavage.  Both of these 

light exposure conditions were  determined to be cytocompatible, indi cating that this 

system is appropriate for implementation with cells.  

This dynamic signaling system was first evaluated for its ability to influence  cell 

behavior in 2D cell culture on a PEGDA hydrogel surface.  3T3 fibroblasts allowed to 

adhere to PhoCl-SC tagged hydrogel  surface for 24 hr were exposed to 405 nm light and 

subsequent cell removal was evaluated.  In correlation to a significant reduction in 

fluorescence in exposed hydrogels, an average of over 60% of cells detached after 

exposure.  In contrast, minima l fluor escence reduction and cell detachment were 

observed for unexposed hydrogels.  These results demonstrate a cell response to 

adhesive signal removal.   

To determine the ability to influence cells both by the biomolecule addition and 

removal events with  PhoCl-SC, fibroblasts were encapsulated in 3D in PEG-PQ-PEG 

hydrogel before tagging the hydrogel with PhoC l-SC.  The cells responded to the PhoCl-

SC with initial spreading stages.  It is of note that we added PhoCl-SC 2 hr after 

encapsulation because of time constraints; however, in previous iterations we observed 
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no cell spreading at up to 10 hours after encapsulation in hydrogels not tagged with 

PhoCl-SC.   

Gels were exposed to 405 nm light 12 hours after PhoCl-SC tagging (at which 

point the cells had begun spreading within the matrix ) and evaluated for continued 

spreading at 48 hr after exposure.  The cells in non-exposed hydrogels without a 

reduction in RGDS density showed extensive spreading and cell-cell connections, while 

the cells in exposed hydrogels with reduced RGDS density showed less cell spreading 

and lower cell density , indicating that removal of the biom olecule via PhoCl cleavage 

did affect fibroblast behavior in 3D cell culture.  Thus, cells responded to both the 

addition and the removal o f PhoCl-SC, demonstrating the potential of this system for  

modeling dynamic sign aling in the future .  While the cell studies performed here 

consisted of bulk biomolecule removal via entire hydrogel light exposure, we a lso 

showed the ability to control the area from which the biomolecule is removed by 

exposing hydrogels through a patte rned photomask (a key advantage of light-controlled 

dynamic systems).   

This system affords spatiotemporally controlled reversibility over  biochemical 

signaling  within a  genetically encoded, cell-compatible system that does not require 

post-synthesis modif ication-- the first of its kind to ou r knowledge .  This technology 

expands the design capabilities for modeling dynamic and heterogeneous signaling 

events of stem cell niches, and futu re directions for this implementing this system for 
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soft tissue culture and regeneration are numerous.  Potential next steps include the 

following: (1) Implement  this system for 3D PC12 cell culture . As it was determined in 

chapter 5 that high RGDS concentrations inhibit neurite outg rowth, RGDS could be 

removed to stimulate  neurite ou tgrowth . (2) Replace the RGDS domain with  an EGF- or 

bFGF-mimetic peptide for NSC culture .  These growth factors, as shown in chapter 6, 

promote a proliferative state and could  be attached to build a cell populati on before 

removal, inducing a diffe rentiati on state.  (3) Pattern a gradient of tethered RGDS to 

promote cell migration within scaffold .  Differentiation and migration occur s upon NSC 

activation in the NSC niche [294], and this model would a lso potentially  be useful for in 

vivo applications for promoting cell migration out of  the scaffold and integration with 

endogenous tissue. 
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8. Conclusions 

Whil e hydro gel-based in vitro  soft tissue culture systems currentl y exist, many 

present drawbacks including limited independent and sp atiotemporal control over 

biochemical properties and/or inability t o consistently match the stiffness regime of 

part icularly soft tis sues such as neural.  In this thesis work , we developed a method for 

independently tuning  reductionist  PEG-based hydrogel stiffness to that of natural neural 

tissue and implemented this material system for 2D and 3D soft tissue culture, and we 

also developed a system for reversible immobilized  biochemical signaling via 

recombinant protein design within PEG-based hydrogels .  Both of these developments 

contri bute to designing optimized contro lled plat forms for accurate modeling of soft 

tissue culture  towards therapeutic regeneration of soft tissue by presenting an 

appropriate  mechanical environment and methods for modeling complex niche 

envir onments. 

We first showed that i ncorporating soluble, allyl -presenting monomers in the 

hydrogel pre cursor solution result s in allyl -acrylate competition t hat alters crosslinking 

mechanics to decrease hydrogel bulk stiffness without preventing hydrogel formation or 

influenci ng biochemical signal density .   In addition, precise control over modul us can 

be achieved by modulatin g the monomer concentration and using monomers with 

dif fering polarity.  Gels made with H -Lys(alloc)-OH as the competitive monomer were 

shown to be cytocompatible and to support cell cult ure. When hydrogel modulus was 
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tuned to 0.32 ± 0.09 kPa compressive modulus, fibroblasts cultu red on the hydrogels 

demonstrated a decrease in cell spreading and neural PC-12s displayed a signific ant 

increase in neurite extension.  

This competit ion mechanism for creating highly compliant synthetic PEG 

hydr ogels was extended to 3D culture systems by implementat ion with cell -degradable 

PEG-PQ-PEG matrices, where we showed that reduction of hydr ogel modulus via  

matrix competition did not influence solu ble biochemical di ffusion thr ough the matrix 

for proteins of relevant sizes for influencing neural  cells.  PC12 neur ite extension was 

controlled via (alloc-tuned) hydrogel modulus, and then this system was imp lemented 

to evaluate the influence of biochemical density on neurite outgrowth in a neural-

appropriat e compliant hydrogel.  F inally, we encapsulated undiffe rentiated neural stem 

cell s within this system and observed the influence of hydrogel modulus, immob ilized 

adhesive peptide signaling, and soluble signaling on NSC morphology and protein 

expression in this system, determining  that NSC behavior was influenced by interplay 

between these environmental  factors and that the impact of each property was context-

dependent.  These results indicate that this compliant reductionist hydrogel is an 

appropriate  model for pa rsing apart the effects of environm ental signals on cell behavior 

indi vi dually and in concert to investigate soft tissue behavior within a controlled 

envir onment.  Future direction s for this system include adjusting adhesive and soluble 

signaling to optimi ze neurogenic behavior.  
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Next, we developed a recombinant protein for site-specific linking of cell -

adhesive peptides to the PEG-based matrix and subsequent removal of the peptides via 

a photo-cleavable domain between the linking and biomolecule domains  for  presenting 

reversible signaling to cells.  This system was shown to afford spatiotempor al control  

over protein  cleavage and to be cell-compatible.  Then we implemented this  

recombinant protein to confer reversible adhesion of cells to the hydrogel surface in 2D 

culture and differential cell spreading over time in 3 D culture  within degradable 

hydrogels.  These cell studies demonstrate the capability of this system for presenting 

dynamic signaling events to cells within hydrogels towards modeling multi -stage 

processes of soft tissue regeneration in a controlled, ECM-mimetic environ ment. 

Futur e directions for this system include directing NSC behavio r to create 

proliferative and neurogenic states via dynamic adhesive signaling  and replacing the 

RGDS domain wit h growth factor m imetic peptides, and creating adhesive molecule 

gradients to prom ote cell migrati on towards modeling NSC differentiation  and 

migration from the NSC niche during neural tissue regeneration. 
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