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Abstract 

Hydrogels are being actively investigated as encapsulation devices for cell transplantation 

therapies, as they provide structural stability and protection against harsh chemical and 

mechanical stimuli, and host immune system.  In addition, chemical moieties, mechanical 

stiffness, and minerals presented in hydrogels act as insoluble signals to regulate a variety of 

cellular function.  However, the conventional hydrogel design is plagued by complex 

dependencies between hydrogel properties; stiffness, permeability, density of cell adhesion 

molecules, and mineralization capacity.  The objective of this research is to decouple or tune 

the intricate dependencies between these hydrogel properties, in order to better understand and 

regulate cellular activities in a 3D matrix.  The hydrogel system is created by the assembly of 

three functional modules that contribute to the overall hydrogel properties: (1) The dependency 

between stiffness and permeability was tuned by incorporating pendant polymeric chains into a 

poly(ethylene glycol)-based hydrogel system; (2) Incorporation of alginate into a hydrogel 

system by co-polymerization allowed the control of hydrogel stiffness without affecting 

permeability; (3) The hydrogel was modified with cell adhesion proteins independent of other 

hydrogel properties using an amine-reactive polyaspartamide linker enabling single-step protein 

conjugation.  Furthermore, mineralization capacity of the hydrogel was controlled 

independently by modulating hydrophobicity, charge density, and porosity.  The efficacy of the 

hydrogel system developed in this research was evaluated by encapsulating two different cell 

types, fibroblasts and mesenchymal stem cells, and exploring the effects of hydrogel properties 

on the viability and growth factor expression of the encapsulated cells.  
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Chapter 1  Introduction 

 

1.1 Background and Motivation 

Delivery of therapeutic cells has garnered much attention in recent years as the next-

generation treatment to cure various diseases, as it offers the possibility of significantly enhanced 

tissue regeneration.
1-3

  For example, stem cells derived from a patient’s own tissue, mostly from 

adipose tissue or bone marrow, have the potential to differentiate into a wide array of cell types 

that can incorporate into the host tissue and undergo regeneration, while bypassing the 

immunogenicity and ethical issues associated with using embryonic stem cells.  The stem cells 

are also known to express various growth factors can also promote wound healing and 

regeneration via paracrine effect.
4,5

  Fibroblasts have also been frequently utilized in several 

therapeutic applications, since they are intricately involved in inflammation and wound healing 

via expression of extracellular matrix (ECM) components and growth factors.   

However, there are several challenges that cell therapies should overcome for their successful 

uses in clinical treatments.  These challenges often result in limited therapeutic efficacy in vivo, 

whereas the cells evaluated in vitro display more powerful therapeutic potentials.  For example, 

cells that are currently being tested in preclinical and clinical therapies are mostly administered 

via intramuscular or intravascular injection.  Then, only a small fraction of the delivered cells 

are active for desired treatments at the transplanatation site, because cells are readily scattered by 

external tissue pressure.  In addition, there is a lack of tools to regulate cellular phenotypic 

activities in a desired manner.   

Therefore, biomaterial scaffolds are being actively investigated for their use as cell 
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encapsulation devices.  Among those, hydrogel has been the most popular choice of biomaterial, 

as the polymeric network imbibing a large amount of water mimics the natural ECM and 

provides stability against external mechanical and chemical stimuli, as well as protection against 

host immune response.
6
  The hydrogels are usually presented with moieties, such as cell 

adhesion proteins, peptides and growth factors, to provide insoluble signals to regulate diverse 

cell phenotypes.
7,8

  For example, RGD peptides spatially organized at varied length scales for 

binding with specific cellular integrins, can tune the proliferation rates and differentiation levels 

of encapsulated cells.  Thus, it would be important to develop a chemical linker, so the cell 

recognition moieties of choice can be efficiently conjugated to the hydrogel system. 

The mechanical stiffness of the hydrogel acts as another important signal to regulate cellular 

activities, and ultimately affect therapeutic efficacy in clinical treatments.
9-12

  Cells sense their 

mechanical environment, either the inherent matrix stiffness or external mechanical force, 

through the formation of focal adhesion, a complex mechanosensory machinery consisting of 

specific ECM domains, cellular integrins, and intracellular components.  For example, tissue 

stiffness under normal physiological conditions range from softer neural tissue (<1 kPa), muscle 

tissue (≈ 10 kPa) to stiffer cartilage (≈ 30 kPa).
8
  Matrix stiffness also has been shown to 

influence the differentiation fate of stem cells.  These roles of hydrogel matrices in cell 

phenotypes have been largely studied using cells adherent to two dimensional (2D) hydrogel 

surfaces, even though cells in vivo are surrounded by three dimensional (3D) ECM. 

Therefore, it is desirable to create hydrogel system with varying stiffness to provide suitable 

mechanical environment for different cell types.  The hydrogel stiffness is usually controlled by 

varying the cross-linking density of the polymeric network.  But this inversely affects the 
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hydrogel permeability that influences transport of oxygen, nutrients and other metabolites, which 

is a critical factor for cells in 3D environment.  So it becomes necessary to create a hydrogel 

system which allows variation of stiffness, while minimizing the change in permeability which is 

also crucial for cellular functions.   

In certain cases, hydrogel should be able to accommodate non-matrix factors in order to 

create a more suitable microenvironment.  For example, bone tissue is extensively mineralized, 

mostly with carbonated hydroxyapatite, on the surface of ECM made up of type I collagen, 

osteopontin, osteocalcin, and bone sialoprotein.
13

  It has been shown that osteoblast functions 

and osteogenic differentiation of stem cells improve significantly in the presence of 

biominerals.
14

  So it would be beneficial to create a mineralized hydrogel for applications in 

bone tissue regeneration.  There have been previous studies focused on inducing mineralization 

on hydrogel, by modulating charge density or hydrophobicity to promote mineral deposition.
15,16

  

However, these studies have been done mostly on 2D surface, and the mineralization in 3D has 

been proven difficult, because hydrophilic microenvironment within the hydrogel does not 

permit supersaturation of mineral ions, which is a critical step in mineral deposition.   

Therefore, it is desirable to create a hydrogel system that allows one to control cell adhesion 

molecules density, stiffness, permeability and mineralization in an independent manner for better 

understanding and control of cellular phenotypic activities in a 3D matrix, as conventional 

hydrogel design strategies are often plagued by intricate dependencies between these hydrogel 

properties and lead to complicating accurate analyses. 
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1.2 Research Overview  

   In this research, multi-functional hydrogel was developed by assembling three modules 

designed to perform different functions (Figure 1.1).  First, Chapter 2 describes a strategy of 

presenting hydrophilic pendant polymer chains in hydrogels to control the hydrogel stiffness, 

while limiting the change in permeability.  Second, Chapter 3 describes methacrylic alginate 

which could be incorporated into a hydrogel system to control hydrogel stiffness, while 

facilitating water uptake, and ultimately improve permeability.  Third, Chapter 4 describes the 

synthesis of amine-reactive polyaspartamide-based linker which allows efficient conjugation of a 

variety of cell responsive proteins to the hydrogel.  Fourth, Chapter 5 describes the fabrication 

of hydrogel system by the assembly of three different modules described in Chapters 2, 3 and 4.  

The effects of hydrogel properties on the phenotypes of encapsulated cells are explored.  Fifth, 

Chapter 6 describes a strategy of varying the physical properties of hydrogels: hydrophobicity, 

charge density and porosity.  Then the mineralization was induced within the hydrogels to 

determine the hydrogel design criteria for 3D biomineralization for its applications in bone tissue 

engineering.  Finally, conclusion and future studies are presented in Chapter 7. 
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1.3 Figures 

 

Figure 1.1 Schematic representation of the hydrogel system assembled with various functional 

modules:  (1) Varying the number of hydrophilic pendant chains allows control of stiffness 

while limiting the change in permeability.  (2) Incorporation of photo-polymerizable alginate 

(methacrylic alginate) promotes biomolecular diffusion, and allows control of mechanical 

properties with the concentration and the degree of methacrylic substitution. (3) 

Polyaspartamide-based linker allows conjugation of conjugation of cell adhesion molecules to 

the hydrogel. 
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Chapter 2  Tuning the Dependency between Stiffness 

and Permeability of Hydrogels with Hydrophilic Pendant 

Chains1
 

 

2.1 Introduction 

Hydrogels have been increasingly studied as in vitro cell culture platforms and cell 

transplantation devices because they are structurally similar to natural extracellular matrices 

(ECM) and provide insoluble signals to regulate diverse cell phenotypes.
17-20

  For example, 

modifying hydrogels to present functional groups, oligopeptides, or proteins, spatially organized 

at varied length scales for binding with specific cellular integrins, can tune the proliferation rates 

and differentiation levels of embedded cells.
21-24

  The mechanical stiffness of the gel matrix acts 

as another signal to regulate cellular activities and ultimately therapeutic efficacy in clinical 

treatments.
10,12,25

  These roles of hydrogel matrices in cell phenotypes have been largely studied 

using cells adherent to two dimensional (2D) hydrogel surfaces, even though cells in vivo are 

surrounded by three dimensional (3D) ECM.   

Therefore, extensive efforts are now being made to understand the role of 3D cellular 

microenvironments on cellular activities, usually by encapsulating cells in hydrogel matrices 

with varying chemical and mechanical properties.
12,19,22,25-29

  However, these approaches are 

largely plagued by intricate dependencies between matrix properties.  For example, most efforts 

to increase the mechanical stiffness of a hydrogel are accompanied by a decrease in the 

                                           
1
  Reproduced with permission from Acta Biomaterialia DOI:10.1016/j.actbio.2011.06.017 (Copyright ©  2011 

Acta Materialia Inc.) 
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permeability of the hydrogel.
29

  Hydrogel stiffness is known to act as a signal to regulate a 

series of cellular activities including apoptosis, proliferation and differentiation by tuning cell 

adhesion and traction force.  Matrix permeability also plays a critical role in maintaining 

viability and homeostasis of cells residing in a 3D matrix, because it controls transport properties 

of oxygen, nutrients and metabolites, as well as space within cellular microenvironment.  

Therefore, the dependency between stiffness and permeability of a hydrogel makes it difficult to 

examine individual and combined effects of matrix stiffness and permeability on cells cultured in 

a 3D matrix.
25,30-32

 

This study presents an advanced strategy to independently modify the stiffness and 

permeability of cell-encapsulating hydrogels.  We hypothesize that the incorporation of pendant 

hydrophilic polymers in cross-linked networks will allow us to control the stiffness via 

concentration of pendant polymers while limiting changes in permeability.  This hydrogel 

system would enable us to address the individual and combined effects of matrix stiffness and 

permeability on viability, proliferation and gene expression levels of cells within a 3D matrix.  

This hypothesis was examined by cross-linking poly(ethylene glycol) diacrylate (PEGDA) and 

poly(ethylene glycol) monoacrylate (PEGMA) to form hydrogels, with PEGMA acting as a 

pendant polymer chain.  The mass fraction, molecular weight, and end group of PEGMA were 

controlled to tune the inverse dependency between permeability and stiffness of the hydrogels 

and also to address the underlying mechanism.  Hydrogels made only by cross-linking PEGDA 

of varying molecular weights (MW), which exhibit a larger range of permeability with the same 

range of stiffness, were used as a control.
33,34

  Mechanical stiffness of the hydrogels was 

evaluated by measuring the elastic modulus, and permeability of the hydrogels was evaluated by 
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measuring the swelling ratio and diffusion coefficient of biomacromolecules within each 

hydrogel.  Finally, both PEGDA-PEGMA hydrogels and pure PEGDA hydrogels were used to 

uncover the effects of matrix stiffness and permeability on the viability, proliferation and 

endogenous vascular endothelial growth factor (VEGF) expression levels of encapsulated cells. 
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2.2 Results 

2.2.1 Mechanical properties of poly(ethylene glycol) (PEG) hydrogels with varying numbers 

of pendant PEG chains   

Hydrogels with varying numbers of cross-links and pendant PEG chains were prepared by 

chemically cross-linking a mixture of PEG diacrylate (PEGDA) and PEG monoacrylate 

(PEGMA) (Figure 2.1a).  The mass percentage of PEGMA (ΦPEGMA) in the PEGDA-PEGMA 

hydrogel was varied while keeping the total concentration constant at 20 wt %.  Separately, 

pure PEGDA hydrogels with varying numbers of cross-links were prepared by cross-linking 

PEGDA with different molecular weights (MW,PEGDA) while keeping the PEGDA concentration 

constant at 20 wt % (Figure 2.1b).  Increasing both ΦPEGMA of PEGDA-PEGMA hydrogels and 

MW,PEGDA of pure PEGDA hydrogels led to the exponential decrease of the elastic modulus from 

41 to 3 kPa (Figure 2.2a-b).  The ranges of the elastic moduli attained with the PEGDA-

PEGMA hydrogels and pure PEGDA hydrogels were equivalent.  

In contrast, ΦPEGMA of PEGDA-PEGMA hydrogels and MW,PEGDA of PEGDA hydrogels 

influenced the swelling ratio of PEG hydrogels differently.  Increasing ΦPEGMA of the PEGDA-

PEGMA hydrogels from 0 to 50 led to a 1.8-fold increase in the swelling ratio.  However, 

increasing MW,PEGDA of pure PEGDA hydrogels from 3400 to 14000 g mol
-1

 resulted in a 2.8-fold 

increase in the swelling ratio (Figure 2.2a-b).  These changes in the swelling ratio related to the 

elastic modulus were fitted to a power law, described by (Q/Q0)  (E/E0)
-m 

(Figure 2.2c).  The 

inverse dependency between the swelling ratio and the elastic modulus, represented by m, was 

smaller with the PEGDA-PEGMA hydrogel than with the pure PEGDA hydrogel (Figure 2.2d). 
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2.2.2 Measuring hydrogel permeability using fluorescence recovery after photobleaching 

(FRAP) assay  

The swelling ratio quantified above represents the amount of fluid taken up by hydrogels at 

equilibrium.  This property does not necessarily represent the rate of biomolecular transport 

through the hydrogels, which is also an important parameter for hydrogel permeability.  

Therefore, this study also quantified the diffusion coefficients of fluorescently labeled dextran 

(Ddextran) within the hydrogels with varying elastic modulus using FRAP.  The FRAP technique 

is commonly used to quantify the diffusion coefficients of molecules within a 3D matrix by 

measuring the flux of fluorescently labeled molecules into a photobleached spot during a given 

time (Figure 2.3).  As this assay utilizes a highly sensitive laser microscopy-based detection 

system to record a molecular diffusion in real time, it allows more accurate measurements of 

diffusion coefficient values, on the order of 10
-10

~ 10
-9

 cm
2
 s

-1
, than conventional methods to 

evaluate the diffusivity with amount of analytes released from the hydrogel.  

Increasing the ΦPEGMA of PEGDA-PEGMA hydrogels from 0 to 40 % made only a minimal 

change in Ddextran.  There was a 1.15-fold increase of Ddextran when ΦPEGMA increased from 40 to 

50 % (Figure 2.4a).  In contrast, increasing MW,PEGDA of pure PEGDA hydrogels resulted in a 

linear increase in Ddextran, leading to a 1.3-fold increase of Ddextran (Figure 2.4b).  These changes 

in Ddextran with the elastic modulus of the hydrogel were fitted to a power law, described by 

(Ddextran/Ddextran,0)  (E/E0)
-n

 (Figure 2.4c).  The inverse dependency between Ddextran and E, 

represented by n, was smaller with the PEGDA-PEGMA hydrogel than with the pure PEGDA 

hydrogel (Figure 2.4d).   
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2.2.3 Effects of length and hydrophobicity of pendant PEG chains on hydrogel properties 

The role of pendant PEG chains on the stiffness and permeability of PEGDA-PEGMA 

hydrogels was further explored by modulating the length and hydrophobicity of the pendant 

chains.  First, the length of pendant PEG chains was modulated by varying the MW of PEGMA 

from 750 to 5000 g mol
-1

.  The elastic moduli of the PEGDA-PEGMA hydrogels decreased 

with the mass percentage of PEGMA (ΦPEGMA) regardless of MW of PEGMA (Figure 2.5a).  

The inverse dependency of the elastic modulus (E) on ΦPEGMA was fitted to the exponential 

decay model using the following equation, 
35

 

 0 exp( )E PEGMAE E k    (1)            

where E0 is the elastic modulus when ΦPEGMA is 0, and kE is the decrease rate of the elastic 

modulus with respect to ΦPEGMA (in units of ΦPEGMA
-1

).  The kE values increased with increasing 

MW of pendant PEG chains (Figure 2.5b).  In contrast, the swelling ratio of the hydrogels was 

only minimally influenced by the MW of pendant PEG chains at any given ΦPEGMA (Figure 2.5c).  

This result demonstrates that the chain length of the pendant PEG chain is another factor that can 

be used to broaden the controllable range of elastic moduli while limiting change in the swelling 

ratio. 

Separately, the end groups of pendant PEG chains were modified with hydrophobic phenyl 

groups (PEG-Ph), in order to examine the role of the hydrophobicity of pendant chains on the 

dependency between the permeability and stiffness of the hydrogel (Figure 2.6).  Interestingly, 

increasing the fraction of pendant PEG chains substituted with phenyl groups (PEG-Ph) while 

keeping the total number of pendant PEG chains constant (ΦPEGMA at 50 %) resulted in an almost 
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ten-fold increase in the elastic modulus and a decrease in the swelling ratio of the hydrogel by a 

factor of two (Figure 2.7a). 

The effect of hydrophobic end groups of pendant PEG chains on the stiffness and swelling 

ratio of hydrogels was studied using pyrene incorporated into PEGDA-PEGMA hydrogels.  

Pyrene monomers associate with hydrophobic domains in the surrounding environment and 

generate a fluorescent emission spectrum which includes five characteristic emission peaks 

(from I1 to I5, Figure 2.7b).
36-38

  Specifically, the ratio of emission intensity at the wavelength of 

385 nm (I3) to that at 373 nm (I1), denoted as I3/I1, correlates with the hydrophobicity of the 

surrounding environment.  The I3/I1 values increased linearly with PEG-Ph in PEGDA-PEGMA 

hydrogels (Figure 2.7c).  The I3/I1 values were also linearly correlated with changes in the 

elastic modulus and swelling ratio (Figure 2.7d).   

 

2.2.4 Effects of hydrogel properties on cell viability and proliferation  

NIH3T3 fibroblasts were encapsulated in PEGDA-PEGMA hydrogels with varying ΦPEGMA, 

and in PEGDA hydrogels with varying MW,PEGDA to study the effects of hydrogel stiffness on cell 

viability.  Type I collagen was chemically linked to the hydrogels to promote cell adhesion to 

the gel matrices.  The incorporation of collagen made only minimal changes in the elastic 

moduli and swelling ratios of the hydrogels. 

The viability of cells encapsulated in the hydrogel was determined by staining the cells with 

MTT.  After 24 hours, the PEGDA-PEGMA hydrogel displayed a biphasic dependency of cell 

viability on the elastic modulus.  The cell viability became maximal at an elastic modulus of 26 

kPa (ΦPEGMA = 12.5) (Figure 2.8a-b).  Above 10 kPa, the viability profile of pure PEGDA 
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hydrogels was similar to that of PEGDA-PEGMA hydrogels, with the maximal viability value at 

20 kPa (MW,PEGDA = 6000 g mol
-1

).  However, below 10 kPa, cell viability increased 

significantly with decreasing elastic modulus (Figure 2.8b).  

The quantified cell viability was then related to the change in swelling ratio to evaluate the 

role of hydrogel permeability on cell viability (Figure 2.8c).  Smaller increase in swelling ratio 

of PEGDA-PEGMA hydrogels, as compared with pure PEGDA hydrogels, did not promote the 

viability of cells.  In contrast, the viability of cells encapsulated in pure PEGDA hydrogels with 

varying MW,PEGDA increased significantly as the normalized swelling ratio increased from 1.5 to 

2.8. 

Cell viability was also examined separately in hydrogels free of collagen.  Unlike in the 

hydrogels chemically linked with collagen, cell viability in the PEGDA-PEGMA hydrogel 

decreased with increasing elastic modulus (Figure 2.9a).  Cell viability increased linearly with 

the swelling ratio for both PEGDA-PEGMA hydrogels and pure PEGDA hydrogels (Figure 2.9b).  

Next, the cell proliferation rate was quantified by measuring an increase in the number of 

viable cells over seven days using MTT.  The dependency of cell viability on time was fitted to 

the following equation,  

 0 2 Pk t

tN N


  (2) 

where N0 is the initial cell viability, Nt is the cell viability at a given time, t, and kP is the cell 

proliferation rate.
39

  Both PEGDA-PEGMA hydrogels with varying ΦPEGMA and pure PEGDA 

with varying MW,PEGDA displayed the decrease of kP with increasing elastic modulus from 2 to 10 

kPa (Figure 2.10a).  However, the kp became almost independent of the elastic modulus, as the 
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modulus became larger than 10 kPa.  In contrast, the kP was linearly related to the swelling ratio, 

for both two gels (Figure 2.10b).  Specifically, cells cultured in hydrogels with swelling ratios 

larger than 1.5 formed clusters, because the matrix supported cell proliferation while limiting 

migration of daughter cells (Figure 2.10c).  All cells in the cluster remained spherical within a 

3D matrix.      

 

2.2.5 Effects of hydrogel properties on vascular endothelial growth factor (VEGF) expression   

Cellular expression of vascular endothelial growth factor (VEGF) within the hydrogel linked 

with collagen was examined by measuring the concentration of VEGF in the cell culture media.  

Fibroblasts are able to produce multiple angiogenic factors endogenously in response to soluble 

signals and subsequently promote neovascularization in vivo,
40,41

 and those activities are known 

to be mediated by matrix stiffness.
11,42

  In this study, the cells were stimulated to up-regulate 

VEGF by exposure to 12-O-tetradecanoylphorbol-13-acetate (TPA) for 24 hours, because TPA 

stimulates cellular expression of VEGF by activating protein kinase C (PKC) signaling.
43,44

  

The fibroblasts not exposed to TPA made minimal expression of VEGF. 

In PEGDA-PEGMA hydrogels with varying ΦPEGMA, the VEGF expression level displayed 

a biphasic curve, similar to the viability profile in Fig. 5.  The VEGF expression level was 

maximal at the elastic modulus of 13 kPa (ΦPEGMA = 25 %) (Figure 2.11).  The VEGF 

expression level of cells encapsulated in pure PEGDA hydrogels with varying MW,PEGDA was also 

maximal when elastic modulus was 10 kPa (MW,PEGDA = 8000 g mol
-1

).  However, the biphasic 

dependency was much smaller than that of PEGDA-PEGMA hydrogels.  
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2.3 Discussion 

Taken together, the results of these studies demonstrated a novel strategy to decouple the 

control of stiffness on permeability of a cell-encapsulating hydrogel, and also how matrix 

stiffness and permeability influence cellular viability, proliferation and endogenous angiogenic 

factor expression.  Decreasing elastic modulus of the PEGDA-PEGMA hydrogels with 

increasing ΦPEGMA clearly indicates that the replacement of PEGDA with PEGMA decreases the 

number of elastically responsive cross-links.  However, the limited increases in the swelling 

ratios and biomolecular diffusion coefficients in PEGDA-PEGMA hydrogels as compared with 

pure PEGDA hydrogels suggest that PEGMA chains act as pendant chains that influence pore 

diameter and subsequent molecular transport.   

This interpretation on the role of PEGMA is also supported by the smaller inverse 

dependency between swelling ratio and elastic modulus of the PEGDA-PEGMA hydrogel, fitted 

by a power law, as compared with the pure PEGDA hydrogel.  According to the Flory-Rehner 

equation, the exponent of power law equation should be equal to 0.6 for an ideal elastic model 

solely consisting of interconnected network.
35

  Therefore, the larger deviation of the power law 

constant from 0.6 for the PEGDA-PEGMA hydrogel implicates that pendant PEGMA chains 

influence solely swelling ratio of the hydrogel.  

Modifying the length and hydrophobic end groups of pendant PEG chains further influenced 

the dependency between permeability and stiffness of the PEGDA-PEGMA hydrogels.  The 

more rapid decrease in the elastic moduli of the hydrogels observed with longer PEGMA implies 

that larger pendant chains disturb chemical cross-linking reactions between PEGDA chains and 

decrease the number of effective cross-links.  More significant changes of stiffness and 
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permeability resulted when hydrophobic pendant chains were incorporated into the hydrogel.  

The presence of hydrophobic pendant chains likely resulted in a physical cross-linking network, 

as evidenced by characteristic pyrene fluorescent emission.  The physical network likely 

contributed to the elastic response of the hydrogel and also limited mass transport through the 

hydrogel pores.  These results suggest that hydrophobic PEGMA chains do not act as pendant 

chains, but rather as a new source of cross-links to increase the elastic response of the 

hydrogel.
45,46

  Therefore, we found that it is important to use hydrophilic pendant PEG chains to 

decrease the elastic modulus while limiting changes in the swelling ratio and diffusion of 

biomacromolecules.     

A previously published study also reported a strategy to control the inverse dependency 

between permeability and stiffness of PEG hydrogel, by introducing hydrophobic moieties 
47

.  

Another study also introduced the use of hydrophobic nanoparticles into PEG hydrogels in order 

to modulate the permeability.
48

  However, the hydrophobic moieties within the matrix have 

been shown to mediate cellular response via non-specific interactions, thus clouding the effects 

of other matrix variables.
21

  Therefore, the use of hydrophilic pendant polymer chains to 

decrease the inverse dependency between permeability and stiffness of the hydrogel may assist in 

exploring the effects of matrix stiffness on cell functions more precisely.   

This reduced inverse dependency of the hydrogel permeability on stiffness enabled us to 

amplify the effects of mechanical signal on the cellular activities in a 3D matrix, specifically the 

one chemically linked with cell adhesion proteins.  The viability and growth factor expression 

of fibroblasts encapsulated in PEGDA-PEGMA hydrogels showed biphasic dependence on the 

matrix stiffness.  This result therefore identifies an elastic modulus which optimally activates 
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intracellular signaling pathways involved in the growth factor expression, while likely limiting 

the activation of signaling pathways involved in cell apoptosis.
49,50

   

The important role of stiffness on the cellular functions in PEGDA-PEGMA hydrogels was 

confirmed by comparing the results with those obtained from pure PEGDA hydrogels.  As 

compared with PEGDA-PEGMA hydrogels, the larger increase in permeability of pure PEGDA 

hydrogels outweighed the effect of stiffness, as demonstrated by the significant increase in 

viability with decreasing elastic modulus and the insignificant biphasic dependence of VEGF 

expression level on elastic modulus.  This control condition therefore signifies the importance 

of decoupled control of stiffness and permeability of cell encapsulating hydrogel.   

This study also demonstrated that cell proliferation in a 3D hydrogel was more dependent on 

the permeability than stiffness of the hydrogel, as the cell proliferation rate was proportional to 

the swelling ratio for both two hydrogel systems.  This result is in accordance with previous 

studies which reported that increased permeability induced by matrix degradation enhanced cell 

proliferation.
29,51

  Thus, we propose that increase of gel permeability should facilitate diffusion 

of soluble factors and increase available space within gel matrix, and subsequently promote the 

cell division.  

The range of elastic modulus proper to support cellular activities in this study is similar to 

that of soft connective tissue where the fibroblasts are found,
8
 which suggests that the matrix 

used for 3D cell culture should present a similar mechanical environment to the specific tissue 

where the cells reside.  In addition, the inverse dependency of cell viability on the elastic 

modulus in the collagen-free PEGDA-PEGMA hydrogels indicates that the specific bonds 

between integrins and cell adhesion proteins of the matrix act as transducers of mechanical 
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signals from the matrix to the cells.  This result also shows that, without these mechanical 

signals, the permeability of a hydrogel becomes the dominant influence on cell viability. 

The dependency of cell viability on permeability of the pure PEGDA hydrogel may also be 

related to significant changes in the diffusion coefficients of bioactive macromolecules within 

the hydrogel.  As confirmed with FRAP assay, changes in diffusion coefficients were well 

correlated with changes in swelling ratios.  In future studies, it will be necessary to further 

examine which factor, swelling ratio or biomolecular diffusivity, has a more significant influence 

on cell viability.   
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2.4 Materials and Methods 

2.4.1 Synthesis of acrylated poly(ethylene glycol) 

Poly(ethylene glycol) (PEG, Sigma Aldrich) or methyl ether poly(ethylene glycol) (mPEG, 

Sigma Aldrich) of various molecular weights (3400, 6000, 8000, 10000, and 14000 g mol
-1

 for 

PEG, 750, 2000, and 5000 g mol
-1

 for mPEG) was dissolved in dichloromethane at a 

concentration of 20 wt %, along with triethylamine (TEA, Fisher Chemical).  The mixture was 

placed under dry N2 gas for 30 minutes to completely dry the mixture.  Acryloyl chloride 

(Sigma Aldrich) was added dropwise into the mixture and stirred for 24 hours under dry N2 gas.  

The molar ratio of PEG, acryloyl chloride, and TEA was kept constant at 1:4:4, and the molar 

ratio of mPEG, acryloyl chloride, and TEA was 1:2.5:2.5 (mPEG has only one hydroxyl group).  

After the reaction, the insoluble salt (TEA-HCl) was removed by filtering, and the filtrate was 

concentrated by rotary evaporator.  Next, ice-cold ether was used to precipitate the product.  

The product collected by filtration was washed with dry diethyl ether several times, and then 

dried under vacuum.  Diacrylated PEG and monoacrylated PEG are referred to as PEGDA and 

PEGMA, respectively.  

 

2.4.2 Hydrogel preparation 

Pre-gel solutions were prepared by mixing 20 wt % PEGDA (MW 3400 g mol
-1

) and 20 wt % 

PEGMA (MW 750, 2000 or 5000 g mol
-1

) at varied ratios, together with 0.01 wt% Irgacure 2959 

(Ciba) as a photoinitiator.  The total polymer concentration was kept constant at 20 wt %.  

Each pre-gel solution was placed between two glass plates with a 1 mm thick spacer, and then 

irradiated with UV for 10 minutes to form a hydrogel.  Subsequently, hydrogel disks with 
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diameters of 5 and 10 mm were punched out and incubated in phosphate buffered saline (PBS, 

pH 7.4) at 37 °C for 24 hours before characterization.  For control experiments, hydrogels were 

prepared by cross-linking PEGDA with varying MW (3400, 6000, 8000, 10000, and 14000 g mol
-

1
) while keeping the concentration constant at 20 wt %.  

 

2.4.3 Characterization of stiffness and swelling ratios of hydrogels 

Hydrogel stiffness was evaluated by measuring the elastic modulus.  Following the 

incubation of hydrogel disks in PBS for 24 hours at 37 ºC, the disks were uniaxially compressed 

at a rate of 1 mm min
-1

 using a mechanical testing system (Insight, MTS Systems).
52,53

  The 

elastic modulus was calculated from the slope of a stress (σ) vs. strain (λ) curve at the first 10 % 

strain.  The hydrogel swelling ratio was calculated as the weight ratio of a swollen hydrogel 

incubated in PBS for 24 hours at 37 ºC to a dried gel. 

 

2.4.4 Characterization of hydrogel permeability using fluorescence recovery after 

photobleaching (FRAP) assay 

Diffusion coefficients of dextran molecules within the gel matrices were measured using the 

FRAP assay to evaluate hydrogel permeability.
54-56

  The hydrogel disks were fabricated as 

mentioned above, except the thickness of the hydrogel was reduced to 0.3 mm in order to allow 

effective photobleaching.  In addition, 2 mg ml
-1

 of fluorescein isothiocyanate conjugated 

dextran (FITC-dextran, MW ~ 40000 g mol
-1

, Sigma Aldrich), which was used as a fluorescent 

probe, was incorporated in the pre-gel solution.  The FRAP assay was performed using a multi-

photon confocal microscope equipped with a FRAP module (LSM 710 NLO, Zeiss) and 
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controlled with control/analysis software (Zen 2009, Zeiss).  The 488 nm laser was used for 

both imaging and photobleaching.  The fluorescent surface of the hydrogel was first visualized 

and fine-focused to give the best quality image.  A circular spot (radius of 85 μm) for 

photobleaching was randomly designated, and photobleaching time was adjusted so that the 

resulting fluorescence was approximately 40 % of the original fluorescence.  After the 

photobleaching, the fluorescence image and intensity were recorded every 2 seconds for 3 

minutes. 

The fluorescence intensity (F) over time (t) was plotted, and the curve was fitted using the 

following equation,
62,63

 

 1 2

2
exp( )

T
F A A

t
    (3)        

where A1 represents the initial fluorescence intensity, A2 represent a modified Bessel function,
54

 

and T represents the recovery time constant.  The diffusion coefficient (D) was then calculated 

using the following equation, 

 

2

4

R
D

T


 (4) 

where R represents the radius of the photobleached spot (85 μm for all experiments). 

 

2.4.5 Characterization of hydrophobic domains in hydrogels with pyrene 

Hydrophobic interactions within the hydrogels containing phenyl-capped pendant PEG 

chains were assessed by the emission of pyrene (Sigma Aldrich) encapsulated in the hydrogels.
36-

38
  1 μL of stock solution of pyrene (100 μg mL

-1
 in cyclohexane) was added to 1 mL of pre-gel 
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solution containing 10 wt % PEGDA and 10 wt % of the mixture of PEGMA and phenyl-capped 

PEGMA.  The fraction of PEGMA that is phenyl-capped was varied from 0 to 1.  The pre-gel 

solution was sonicated for 1 minute to completely dissolve the pyrene, then photo-crosslinked to 

form the hydrogels, as described above.  Next, the hydrogel was incubated in deionized (DI) 

water for 1 day, while changing the DI water twice to remove the pyrene molecules not 

associated with hydrophobic domains.  The hydrogel was excited at a wavelength of 330 nm, 

and the resulting emission spectrum of pyrene in each hydrogel was acquired using a 

spectrofluorometer (FluoroMax® -4, HORIBA Jobin Yvon). 

 

2.4.6 Analysis of viability and proliferation of cells encapsulated in hydrogels  

NIH3T3 fibroblasts (purchased from American Type Culture Collection (ATCC)) were 

suspended in the pre-gel solution at a density of 1 × 10
6
 cells mL

-1
.  To promote cell adhesion to 

the hydrogel, 1.2 mg mL
-1

 of type I collagen conjugated with PEGMA was added to the pre-gel 

solution (see Supporting Information for the detailed PEGMA conjugation procedure).  The 

cell-encapsulated hydrogel disks with 5 mm diameter were fabricated as described in Section 

3.4.2, except that mixture of cells and pre-gel solution were exposed to UV light.  The hydrogel 

disks were incubated in growth medium (Dulbecco’s Modified Eagle Medium supplemented 

with 10 % fetal bovine serum and 1 % penicillin/streptomycin, all purchased from Gibco) at 37 

ºC under 5% CO2.   

Cell-encapsulating hydrogels were exposed to MTT (3-(4,5-dimethylthiazol-2-yl)-2,5-

diphenyltetrazolium bromide) at various time points to assess the number of viable cells.
53

  

MTT is taken up and enzymatically reduced by viable cells to become MTT formazan which has 
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a maximum absorbance at 570 nm.  Briefly, each hydrogel disk was placed in one well of a 96-

well plate with 0.1 mL of growth medium.  10 μL of MTT Reagent (ATCC) was added to each 

well and incubated for 4 hours at 37 ºC.  Then, 0.1 mL of stop solution (20 % sodium dodecyl 

sulfate in water/dimethylformamide (50:50)) was added to the well and incubated overnight to 

let the product diffuse out of the hydrogel and completely dissolve.  The absorbance of the 

surrounding medium at 570 nm, which represents the number of viable cells positively stained 

with MTT, was measured using a spectrophotometer (Synergy HT, BioTek).  The absorbance 

was normalized by that of a pure medium, due to color variations of growth medium over time.  

The normalized absorbance was divided by that measured right after cell encapsulation, in order 

to quantify the cell viability as percentage of cells that remained viable.  The normalized 

absorbance was measured daily for 7 days to quantify the cell proliferation rate with an increase 

of the absorbance over time.  In addition, the extent of cell spreading and the cell division were 

observed using an inverted microscope (Leica DMIL).   

 

2.4.7 Analysis of vascular endothelial growth factor (VEGF) expression of cells encapsulated 

in hydrogels   

Hydrogels encapsulated with NIH3T3 fibroblasts were incubated in DMEM supplemented 

with 100 nM 12-O-tetradecanoylphorbol-13-acetate (TPA, Sigma Aldrich) for 24 hours.
43,44

  

Subsequently, the cell culture medium was collected and the amount of VEGF released from the 

cell-encapsulating hydrogel was quantified with an enzyme-linked immunosorbent assay 

(Quantikine Mouse VEGF ELISA, R&D systems).  The medium incubated with cell-free 

hydrogel disks was assayed as a negative control.  The amount of VEGF released from each 
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hydrogel disk was normalized with the number of viable cells measured at the same time point to 

represent VEGF expression level by each viable cell.   
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2.5 Figures 

 

 

 

 

 

Figure 2.1 Schematic description of (a) PEGDA-PEGMA hydrogels with varying mass 

percentage of PEGMA (ΦPEGMA), and (b) PEGDA hydrogels with varying MW of PEGDA 

(MW,PEGDA).  In (a), increasing ΦPEGMA of PEGDA-PEGMA hydrogels (from left to right) was 

expected to increase the number of pendant PEGMA chains, while reducing the number of cross-

links.  In (b), increasing MW,PEGDA of PEGDA hydrogels (from left to right) was expected to 

decrease the number of cross-links and increase the pore diameter.   
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Figure 2.2 (a) Increasing ΦPEGMA of the PEGDA-PEGMA hydrogels led to the significant 

decrease of the elastic modulus (E, ), but limited increase of the swelling ratio (Q, ).  (b) 

Increasing MW,PEGDA of the pure PEGDA hydrogels resulted in the significant decrease of E () 

and increase of Q ().  In (a) and (b), E of the hydrogels were controlled in the same range.  

(c) The inverse dependency of normalized swelling ratios (Q/Q0) on the normalized elastic 

moduli (E/E0) was fitted to the power law, (Q/Q0) ∝ (E/E0)
-m

, for PEGDA-PEGMA hydrogels () 

and pure PEGDA hydrogels ().  E0 and Q0 represent E and Q of PEGDA hydrogels with 

MW,PEGDA of 3400 g mol
-1

.(*p<0.05)  (d) The exponent, m, of the fitted power law was smaller 

for PEGDA-PEGMA hydrogels than pure PEGDA hydrogels.   

 

 

 

 



 

 

27 

 

 

 

Figure 2.3 Schematic representation of fluorescence recovery after photobleaching (FRAP) 

assay.  A small spot in a hydrogel containing fluorescent probe is photobleached, and the 

increase of fluorescence in the photobleached area was measured over time (from 1 to 6). 
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Figure 2.4 Diffusion coefficient (Ddextran) values of fluorescently labeled dextran, quantified with 

the FRAP assay, increased with increasing (a) ΦPEGMA of PEGDA-PEGMA hydrogels and (b) 

MW,PEGDA of PEGDA hydrogels.  (c) The inverse dependency of the normalized Ddextran 

(Ddextran/Ddextran,0) on the normalized elastic modulus (E/E0) of the hydrogel was fitted to the 

power law, (Ddextran/Ddextran,0) ∝ (E/E0)
-n

, for the PEGDA-PEGMA hydrogels () and pure 

PEGDA hydrogels ().  Ddextran,0 and E0 represents Ddextran and E of PEGDA hydrogels with 

MW,PEGDA of 3400 g mol
-1

. (*p<0.05)  (d) The exponent, n, of the fitted power law was smaller 

for PEGDA-PEGMA hydrogels than pure PEGDA hydrogels.  
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Figure 2.5 The inverse dependency of (a) elastic modulus (E) of the PEGDA-PEGMA hydrogel 

on ΦPEGMA was tuned with MW of the PEGMA, which was varied from 750 to 5000 g mol
-1

.  (b) 

The rate of decrease in elastic modulus (kE), calculated from Eq. (1), increased with MW of 

pendant PEGMA. (*p<0.05)  
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Figure 2.6 Schematic description of PEGDA-PEGMA hydrogels with increasing hydrophobicity 

of pendant PEG chains (left to right), by modifying the end groups of pendant PEG chains to 

present hydrophobic phenyl groups.  The total number of pendant PEG chains were fixed 

(ΦPEGMA at 50), while changing the fraction of pendant PEG chains with phenyl end groups 

(PEG-Ph). 
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Figure 2.7 (a) Increasing PEG-Ph led to the increase of elastic modulus (E,) and decrease of the 

swelling ratio (Q,).  (b) The emission spectra of pyrene in hydrogels were measured with 

varying PEG-Ph.  The characteristic peaks of pyrene (from I1 to I5) were designated.  (c) The 

ratio of I3 to I1 (I3/I1) was increased with PEG-Ph.  (d) The change in elastic modulus (E/E0,) 

and swelling ratio (Q/Q0,) was related to I3/I1.  E0 and Q0 represent E and Q of the hydrogel at 

the lowest PEG-Ph of 0. 
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Figure 2.8 (a) Phase-contrast microscopic images of cells taken 24 hours after encapsulation in 

PEGDA-PEGMA hydrogels with ΦPEGMA.  The viable cells were positively stained with MTT 

(dark purple).(Scale bar: 100 μm)  The viability of cells was related to (b) elastic modulus (E) 

and (c) the normalized swelling ratio (Q/Q0) of the PEGDA-PEGMA hydrogels with varying 

ΦPEGMA () and pure PEGDA hydrogels with varying MW,PEGDA (). (p<0.05 between * and ^, 

and also between * and #)  Q0 represents the swelling ratio of the PEGDA hydrogel with 

MW,PEGDA of 3400 g mol
-1

.  
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Figure 2.9 The viability of NIH3T3 fibroblasts encapsulated in collagen-free PEGDA-PEGMA 

hydrogels with varying ΦPEGMA () and collagen-free PEGDA hydrogels with varying MW,PEGDA 

() were related to (a) elastic modulus (E) and (b) swelling ratio (Q/Q0). (*p<0.05)  Swelling 

ratio was normalized with that of PEGDA hydrogel with MW,PEGDA of 3400 g mol
-1

(Q0).  The 

viability was measured 24 hours after encapsulation.  
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Figure 2.10 Proliferation rates (kP) were related to (a) elastic modulus (E) and (b) normalized 

swelling ratio (Q/Q0) of PEGDA-PEGMA hydrogels with varying ΦPEGMA () and pure PEGDA 

hydrogels with varying MW,PEGDA ().(*p<0.05)  Q0 represents the swelling ratio of the PEGDA 

hydrogel with MW,PEGDA of 3400 g mol
-1

.  (c) Phase-contrast microscopic images of cells 

undergoing proliferation over time.(Scale bar: 10 μm)   
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Figure 2.11 VEGF expression level from encapsulated fibroblasts was related to the elastic 

modulus (E) of PEGDA-PEGMA hydrogels with varying ΦPEGMA () and pure PEGDA hydrogel 

with varying MW,PEGDA ().(*P<0.05)  
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Chapter 3  Independent Control of Stiffness from 

Permeability of Hydrogels with Methacrylic Alginate2 

 

3.1 Introduction 

Hydrogels are being increasingly used as a cell encapsulation and transplantation device in 

various preclinical and clinical treatments.
57

  The mechanical properties of hydrogels are known 

to regulate diverse activities of cells adhered to the gel, and potentially the outcome of cell 

therapies, because cells can probe and sense their mechanical environment.
6,9,10

  The successful 

use of hydrogels in these applications greatly relies on their physical and chemical properties 

including mechanical rigidity, resistance to fracture, degradation rate, and interaction with 

bioactive molecules and cells.
6,57,58

  Controlling these multiple properties in a desired manner is 

still a significant challenge in the hydrogel design, because of the interdependency between 

hydrogel properties.  For example, a hydrogel should be rigid enough to maintain its structural 

integrity for a sufficient period of time to hold drug molecules and cells loaded in the matrix.
57

  

However, increasing the gel stiffness results in the brittle gel, which is readily fractured at a 

small deformation.  Certain applications require hydrogels to be biodegradable, but the 

hydrogel degradation rate is dependent on the hydrogel stiffness.
57,58

  

It is common to control the hydrogel stiffness with concentrations of gel-forming polymers 

                                           
2
  Reproduced with permissions from Biomaterials DOI:10.1016/j.biomaterials.2010.02.059 (Copyright ©  2010 

Elsevier Ltd.) and Advanced Functional Materials DOI:10.1002/adfm.200900865 (Copyright ©  2009 John Wiley & 

Sons, Inc.)  
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and the molar ratio of a cross-linking molecule to the gel-forming polymer, so the number of 

cross-links is increased.
57,58

  However, these approaches often result in the decrease of the 

hydrogel swelling ratio, because the osmotic water entry into the gel matrix is more limited with 

the larger number of cross-links.
12,59,60

  The reduced swelling ratio indicative of the smaller pore 

diameter further results in the limited diffusivity of bioactive molecules crucial to support the 

viability of cells encapsulated into the gel matrix.
6,17

  Therefore, it is highly critical to decouple 

the dependency of hydrogel stiffness on the swelling ratio in the design of a cell-encapsulating 

hydrogel, so the gel mechanics can be controlled over a broad range without altering the 

hydrogel swelling ratio.  However, to date, few efforts have been made to independently control 

hydrogel stiffness and swelling ratio.  

This study therefore demonstrates a new strategy of decoupling the dependency of hydrogel 

swelling ratio on the stiffness, which is inspired by the role of polysaccharides in an extracellular 

matrix (ECM).  Glycosaminoglycans, polysaccharide components in an extracellular matrix 

(ECM), are known to play critical roles in both rigidity and water sorption of ECM, because of 

their rigid sugar units and hydrophilic groups.
61,62

  We therefore hypothesized that incorporating 

a polysaccharide which presents multivalent methacrylic groups and hydrophilic groups into a 

hydrogel would allow us to control the gel stiffness over a broad range while limiting the change 

of swelling ratio.
52

  This hypothesis was examined with a hydrogel formed from chemical 

cross-linking between methacrylic alginate and poly(ethylene glycol) dimethacrylate (PEGDA).  

The number of cross-links of the hydrogel was controlled with the concentration of methacrylic 

alginate and the degree of substitution of methacrylic groups linked to the alginate.
52,63

  For 

control experiments, the number of cross-links of a hydrogel was controlled solely with 
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concentration of PEGDA with varied molecular weights.  In addition, oxidation of uronic acid 

residues in alginate results in the formation of hydrolytically labile functional groups.  So the 

degree of oxidation of methacrylic alginate was varied in order to control the rate of hydrogel 

degradation.  

The resulting hydrogel stiffness was evaluated with a measurement of the elastic modulus.  

The hydrogel swelling ratio was evaluated by measuring the mass of hydrated gel, and also 

imaging water distribution through the hydrogel using magnetic resonance imaging (MRI).
64,65

  

The dependency of gel stiffness on the swelling ratio was further tuned by incubating the 

hydrogel in media of different pH and ionic strength.
59,60,66

  Finally, PC12 cells were 

encapsulated into hydrogels with varying amounts of methacrylic alginate, which presented the 

varied stiffness but comparable swelling ratio in order to test cell viability in the 3D gel matrix.  

Overall, this study presents an advanced biomaterial design strategy which enables one to 

assemble a rigid cell-encapsulating material without deteriorating cellular viability. 
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3.2 Results 

3.2.1 Syntheses of methacrylic alginate and oxidized methacrylic alginate 

Methacrylic alginate (MA) was made by linking with 2-aminoethyl methacrylate via amide-

forming carbodiimide chemistry (Figure 3.1).  Increasing the molar ratio between 2-aminoethyl 

methacrylate and uronic acid of alginate resulted in the increase of the degree of substitution (DS) 

of methacrylic groups to alginate (‘methacrylic DS’) from 5 to 44 %.  The oxidized methacrylic 

alginate (OMA) was prepared in order to allow degradation of the resulting hydrogels.  OMA 

was made by oxidation reaction of alginate and subsequent chemical reaction to link methacrylic 

groups to the oxidized alginate.  The oxidation reaction opened a sugar ring of alginate to 

introduce hydrolyzable acetal-like linkages in a polymer chain.
67,68 

 

The radius of gyration (RG) of methacrylic alginate was measured to evaluate effects of 

methacrylic DS on RG.  Interestingly, chemical linkages of methacrylic groups to the alginate 

changed RG of the polymer, as examined with the static light scattering (SLS).  Persistence 

length (lP) calculated from the RG values using Eq. (8) was linearly increased with the 

methacrylic DS (Figure 3.2).   

 

3.2.2 Analysis of hydrogel stiffness incubated in a high ionic strength medium 

The elastic modulus of a hydrogel was measured to evaluate the mechanical stiffness of the 

hydrogel.  Prior to the measurements, hydrogels at all conditions were incubated in PBS of high 

ionic strength (IPBS = 0.22 M).   

First, the elastic modulus of a hydrogel consisting of PEGDA 400 and methacrylic alginate 

was varied by increasing the concentration of methacrylic alginate and the methacrylic DS while 
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keeping the PEGDA 400 concentration constant at 10 wt %.  As expected, the elastic modulus 

of the hydrogel was linearly increased with concentration of methacrylic alginate, and the linear 

dependency became larger with the methacrylic DS (Figure 3.3a).  Ultimately, increasing 

polymer concentration from 10 to 12.5 wt % with methacrylic alginate presenting 220 

methacrylic groups (MA-3) per alginate chain resulted in almost ten-fold increase of the elastic 

modulus.  

Incorporation of PEGDA 2000 into the PEGDA 400 hydrogel also resulted in the linear 

increase of the elastic modulus of a hydrogel with increasing polymer concentration (Figure 

3.3b).  In contrast, increasing the polymer concentration with PEGDA 14000 made an 

insignificant increase of the elastic modulus.  The overall range of the elastic modulus that was 

controlled solely with PEGDAs was much smaller than that was controlled with methacrylic 

alginate.  

The elastic modulus of a hydrogel was related to the density of methacrylate groups () of a 

hydrogel, so the effect of the number of methacrylate on the hydrogel stiffness could be 

evaluated.  Interestingly, the linear dependency of the elastic modulus on the density of 

methacrylic group was specific for the chemical composition of the hydrogel (Figure 3.4a).  At 

any given methacrylate density, the elastic modulus of the hydrogel consisting of PEGDA 400 

and methacrylic alginate was higher than that of the hydrogel consisting of PEGDA with varied 

MW.  The stiffening efficiency of the reinforcing polymer (E), quantified with a slope of the 

linear curve of the elastic modulus on , was larger with the hydrogel consisting of PEGDA 400 

and methacrylic alginate as compared with pure PEGDA hydrogels (Figure 3.4b).   

Alternatively, the elastic modulus of a hydrogel of the PEGDA 400 and methacrylic alginate 
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was controlled with mass fraction of methacrylic alginate at a given polymer concentration of 10 

wt %.  Increasing mass fraction of methacrylic alginate (MA) with the lowest methacrylic DS 

(MA-1), while decreasing the mass fraction of PEGDA, minimally changed the elastic modulus.  

In contrast, the use of methacrylic alginate with the higher methacrylic DS (MA-2 and MA-3) 

resulted in the linear increase of the elastic modulus (Figure 3.5).  

 

3.2.3 Analysis of hydrogel swelling ratio in a high ionic strength medium 

The swelling ratio of a hydrogel was also measured to evaluate the hydrogel permeability.  

Again, prior to the measurement, the hydrogel was incubated in PBS (IPBS = 0.22).  Interestingly, 

increasing polymer concentration of the hydrogel with the methacrylic alginate resulted in the 

minimal decrease of the swelling ratio independent of the methacrylic DS (Figure 3.6a).  The 

change of the mass fraction of methacrylic alginate in the hydrogel at a constant polymer 

concentration also resulted in the minimal decrease of the swelling ratio (Figure 3.6b).  In 

contrast, the swelling ratio of a hydrogel consisting solely of PEGDA with varying MW was 

decreased with the polymer concentration, and its dependency was the largest when the hydrogel 

was formed by cross-linking PEGDA 400 and PEGDA 2000 (Figure 3.7).  

Water distribution through a hydrogel was further examined by measuring the local amount 

of water proton in the hydrogel with the magnetic resonance imaging (MRI).  In this study, the 

mass fraction of methacrylic alginate and the methacrylic DS were varied, while keeping the 

total polymer concentration constant.  Incubation of a hydrogel in PBS significantly increased 

the concentration of water within a hydrogel as confirmed with the increase of the intensity of 

water proton (Figure 3.8a).  The dependency of water concentration on the distance from the 
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center of the hydrated hydrogel was minimally affected by the changes of the mass fraction of 

methacrylic alginate and methacrylic DS (Figure 3.8b).   

 

3.2.4 Dependency of hydrogel swelling ratio on elastic modulus   

The elastic moduli of hydrogels presented in the Figure 2.3 were related to the swelling ratios 

of the hydrogels presented in Figure 2.6 and Figure 2.7.  Interestingly, the swelling ratio of a 

hydrogel consisting of PEGDA and methacrylic alginate was minimally changed regardless of 

the increase of elastic modulus by one order of magnitude (Figure 3.9).  In contrast, the 

swelling ratio of the hydrogel consisting of PEGDA with varying MW was decreased with the 

elastic modulus of the hydrogel.  The overall dependency of pure PEGDA hydrogel was 

therefore 16 times larger than that of the hydrogel of PEGDA and methacrylic alginate.   

 

3.2.5 Hydrogels properties in media of varying ionic strength and pH   

The ionic strength of the hydrogel incubation medium, PBS, was decreased from 2.2 to 0 M 

to evaluate the role of charged carboxylic groups of the methacrylic alginate on the hydrogel 

properties.  Decreasing the ionic strength from 2.2 to 0.1 M did not alter the independency of 

the swelling ratio on the elastic modulus of the hydrogel (Figure 3.10a).  However, further 

decrease of the ionic strength to zero resulted in the inversed dependency of the swelling ratio on 

the elastic modulus of the hydrogel.   

The pH of the hydrogel incubation medium was also varied from 3 to 10 while keeping the 

ionic strength of the PBS at 0.22 M.  The pH change of the PBS resulted in the minimal 

changes of the elastic modulus and swelling ratio (Figure 3.10b).  Thus, t 
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e swelling ratio of the hydrogel was independent of the elastic modulus at any pH of PBS.  

 

3.2.6 Hydrogel degradation controlled with degree of oxidation of OMA  

To demonstrate the controlled degradation with degree of oxidation of oxidized methacrylic 

alginate (OMA), PEGDA 400 and OMA with varying degree of oxidation was The number of 

oxidized uronic acid groups per chain (oUA) was controlled from 0 (non-oxidized methacrylic 

alginate) to 50.  The hydrogel degradation was monitored with decrease of the elastic modulus 

over time.  The initial elastic modulus of hydrogel was almost independent of the number of 

oUA (Figure 3.11a), indicating that the oxidation of alginate did not affect the initial mechanical 

strength of the hydrogels.  But the elastic moduli became significantly decreased over time, and 

the extent of decrease was correlated with the number of oUA (Figure 3.11b). 

 

3.2.7 Analysis of viability of cells encapsulated in hydrogels   

PC12 cells were encapsulated into the hydrogel of PEGDA hydrogels incorporated with 

varying amounts of methacrylic alginate.  The resulting hydrogels presented varied elastic 

moduli but minimal change of the swelling ratio.  The mass fraction of the methacrylic alginate 

in the hydrogel was increased at the constant total polymer concentration of 10 wt %, so the 

elastic modulus of the hydrogel was varied from 70 to 300 kPa without a significant change of 

the swelling ratio.  Interestingly, the fraction of viable cells positively stained with the MTT 

reagent was rather increased by a factor of four with the mass fraction of methacrylic alginate 

(Figure 3.12).  
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3.2.8 Retention of serum protein in hydrogels 

Fetal bovine serum was encapsulated into hydrogels with varying amount of methacrylic 

alginate, and the amount of serum protein released from the hydrogel was measured to evaluate 

the effect of methacrylic alginate in retaining bioactive proteins within the hydrogels.  The 

amount of serum protein released was inversely related to the amount of methacrylic alginate in 

the hydrogel (Figure 3.13).  
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3.3 Discussion 

The results of these studies demonstrated a strategy to decouple the inverse dependency of 

the stiffness of a cell-encapsulating hydrogel on the swelling ratio, so we could control hydrogel 

rigidity over a broad range without influencing gel permeability and subsequent cell viability.  

Specifically, incorporating methacrylic alginate into the poly(ethylene glycol)-based hydrogel 

allowed the control of elastic modulus while limiting the change of swelling ratio.  The MRI-

based analysis of water distribution through the hydrogel also confirmed that degree and 

uniformity of hydration were almost independent of the hydrogel stiffness.   In addition, partial 

oxidation of alginate, which results in hydrolytically labile functional groups, allowed controlled 

rate of hydrogel degradation. 

The incorporation of methacrylic alginate into the PEGDA hydrogel allowed us to 

significantly increase the elastic modulus of the hydrogel proportional to the methacrylic DS.  

Coupling of methacrylic groups to a flexible polymer commonly leads to molecular collapse 

because of hydrophobic association between methacrylic groups.
69-72

  This molecular collapse 

may be disadvantageous to derive elastic intermolecular cross-links, because the methacylic 

groups are shielded from participating in cross-linking.  However, it is likely that semi-flexible 

alginate minimized the molecular collapse as verified with the linear increases of the size and 

persistent chain length of methacrylic alginate with methacrylic DS.   Consequently, most of 

methacrylic groups linked to alginate formed elastic intermolecular networks along with 

PEGDAs.  In contrast, increasing polymer concentration of a hydrogel solely with PEGDA did 

not significantly increase the elastic modulus, likely because the flexible PEGDA chain allowed 

intramolecular association between methacrylic groups.   
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Alginate molecules exist as extended polymer chains in aqueous solutions, as evidenced by a 

large persistent length and high viscosity.  As alginate becomes incorporated into a hydrogel 

system by co-polymerization, the extended molecular structure of alginate is retained within the 

hydrogel network.  This likely prevented the gel from undergoing swelling by polymeric chain 

relaxation as the alginate molecules are already well stretched, thus contributing to the consistent 

swelling ratio values at a wide range of cross-linking density.  The effects of chain inflexibility 

on the hydrogel property will be investigated more systematically in future studies.     

The limited changes of swelling ratio and water distribution through the PEGDA-methacrylic 

alginate hydrogels independent of the gel rigidity were related to the multivalent hydrophilic 

groups of alginate.
73

  In general, increased number of cross-links reduces a molecular weight 

between cross-links which surrounds nano-sized pores of a hydrogel matrix.
74

  Therefore, the 

osmotic water entry becomes kinetically limited with increase of the number of cross-links as 

observed with the pure PEGDA hydrogels.  However, incorporation of methacrylic alginate 

with multiple hydrophilic groups into the PEGDA hydrogel likely facilitated the water entry, 

because of the energetically favorable interaction between hydrophilic groups and water 

molecules.
73

  Overall, we propose that the hydrophilic groups of alginate compensate the effect 

of cross-linking density on water entry into the hydrogel.      

Further studies to examine the hydrogel properties in varied environments suggested that 

hydroxyl groups of alginate should be more important factor to facilitate water entry than anionic 

carboxylic groups specifically in a physiological condition.  First, the inverse dependency 

between the swelling ratio and the elastic modulus at zero ionic strength implicates that charged 

carboxylic groups play an adverse role in decoupling the dependency between stiffness and 
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permeability.  Increasing ionic strength of a medium likely deactivated the role of carboxylic 

groups in the osmotic water entry, because of limited electrostatic interaction between the 

carboxylic groups.
59,60,66

  Secondly, minimal effect of pH of the incubation medium on the 

swelling ratio also suggests the minimal role of carboxylic groups because pH of the medium 

also alters the electrostatic interaction between carboxylic groups.
66

  In contrast, the critical role 

of hydroxyl group in decoupling the dependency between stiffness and permeability of a 

hydrogel was confirmed with negative controls; PEGDA hydrogels free of hydroxyl groups.   

Ultimately, the independency between hydrogel properties allowed multiple bioactive 

molecules in a cell culture medium to access cells encapsulated in a hydrogel regardless of the 

gel stiffness.  The viability of encapsulated cells showed that the viability was proportional to 

the amount of methacrylic alginate, even though the swelling ratio values of all hydrogels were 

similar to one another.  This result implicate the role of alginate extends far more than simply 

facilitating the uptake of biomolecules into the hydrogel systems with multiple hydrophilic 

functional groups;  it may also help retain important biomolecules within the hydrogel system, 

as evidenced by the ability of methacrylic alginate in retaining the serum protein.   The 

beneficial role of polysaccharide has been discovered in various biological processes including 

aging and self-healing process.
61,62,75

  For example, the decrease in chondroitin sulfate content 

in cartilage tissue with aging affects transport of water and metabolites and subsequently cellular 

activities.  Also, many growth factors have heparin-binding domains, clusters of basic amino 

acid residues, which can bind to negatively charged sulfate or carboxylic acid in polysaccharide 

portion of ECM and help control their transport.  We therefore suggest that this beneficial role 

of polysaccharide in the biological system was successfully harnessed by incorporating 
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methacrylic alginate into the PEGDA hydrogel system. 
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3.4 Materials and Methods 

3.4.1 Synthesis of oxidized methacrylic alginate 

Alginate which presents a large fraction of guluronic acid block (LF20/40, FMC 

Technologies, weight-average molecule weight (MW) ~ 250,000 g/mol) was first irradiated with 

-rays from the 
60

Co source at a dose of 2 Mrad for 4 hours.
76,77

  The irradiation process 

decreased Mw of alginate to 100,000 g/mol as determined by the gel permeation chromatography 

(GPC).  The irradiated alginate was dissolved in deionized (DI) water at 1 wt%.  Sodium 

periodate (Sigma Aldrich) was dissolved in the alginate solution, and stirred for 24 hours.  The 

amount of sodium periodate was varied to control the number of oxidized uronic acid groups in 

alginate.  The mixture was dialyzed against DI water, and lyophilized to obtain dried oxidized 

alginate.  To conjugate methacrylic groups onto oxidized alginate, the oxidized alginate was 

dissolved in the 0.1M MES ((2-(N-morpholino) ethanesulfonic acid) buffer (pH 6.4, Sigma-

Aldrich) at the concentration of 1 % (w/v).  Then, 1-hydroxybenzotriazole (HOBt, Fluka), 1-

ethyl-3-(3-dimethylaminopropyl) carbodiimide (EDC, Thermo Scientific) and 2-aminoethyl 

methacrylate (AEMA, Sigma Aldrich) were dissolved in the alginate solution and stirred for 19 

hours.
52,63,78

  The molar ratio of HOBt, EDC and AEMA was 2:2:1.  The mixture was dialyzed 

against DI water, and lyophilized.  The dried OMA was reconstituted to a 3 wt % stock solution.  

The conjugation of methacrylate groups onto the alginate was confirmed by 
1
H-NMR (300MHz, 

QE300, General Electric), as previously done.
52

    

The degree of substitution (DS) of methacrylic group (methacrylic DS) was determined by 

titration with NaOH to calculate the number of free carboxylate groups.  Briefly, 0.01 M NaOH 

was added into 1 wt% solution of methacrylic alginate, and, after ten minutes, the solution pH 
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was measured with an electronic pH meter (Mettler Toledo).  The NaOH solution was 

continuously added until the pH reached 10 to obtain the titration curve.  The mole of NaOH at 

the end point of the titration was used as the number of free carboxylate groups.  The 

methacrylic DS was calculated as follows,                  

 

( )
(%) 100

total free

total

N N
DS

N


 

 (5)  

where Ntotal was the total number of uronic acid residues determined by dividing the molecular 

weight of methacrylic alginate by the molecular weight of a uronic acid (~ 198 g/mol), and Nfree 

was the number of free carboxylate groups determined by the titration.  The methacrylic DS of 

three methacrylic alginate samples (MA-1, MA-2 and MA-3) prepared in this study were 5, 23, 

and 44%, respectively. 

 

3.4.2 Synthesis of poly(ethylene glycol) dimethacrylate (PEGDA) 

First, poly(ethylene glycol) (PEG, Sigma Aldrich) having MW of 2,000 or 14,000 g/mol  

were dissolved in dichloromethane at the concentration of 10 wt%.  Next, methacryloyl 

chloride (Sigma Aldrich) and triethylamine (Fisher Chemical) were dissolved in the PEG 

solution and stirred overnight under dry N2 gas.  The molar ratio of PEG, methacryloyl chloride 

and triethylamine was 1:4:4.  Finally, the insoluble salt (triethylamine-HCl) was filtered, and 

the product was precipitated by adding ice-cold ether.  The product collected by filtration was 

washed with ether several times.  The conjugation of methacrylate groups onto PEG was 

confirmed by 
1
H-NMR (300MHz, QE300, General Electric).  
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3.4.3 Radius of gyration (RG) of methacrylic alginate 

The radius of gyration (RG) of methacrylic alginate was measured using static light scattering 

(SLS, BI-200 SM goniometer, Argon Ion 35mW laser, =632.8nm, Brookhaven Instruments).  

The instrument was calibrated with the scattering of toluene at 90   to convert scattering 

intensity from counts per second to cm
-1

.  The samples were filtered with 0.22 µm syringe 

filters into glass tubes with a path length of 1 cm.  All experiments were made at 25 °C.  To 

convert the light scattering data into a Zimm plot, dilute polymer solutions were prepared at five 

different concentrations ranging from 0.1 to 99 mg ml
-1

.
79

  These concentrations were smaller 

than the semi-dilute concentration regime to prevent multiple scattering.  

The radius of gyration (RG) of a polymer solution was determined from the following Zimm 

equation.
79-81

        

 

2
21

(1 ...) 2
( ) 3
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K q
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where KC was an optical constant, R(θ) was the Rayleigh ratio, q was the scattering vector (q = 

(4π/λ)sin(θ/2)) with the scattering angle, θ, MW was the molecular weight of a polymer, and BC 

was the second viral coefficient (in unit of cm
3 

mol/g
2
). The KC in the Zimm equation was 

defined as follows,            

 
2 2 2 44 ( / ) /C AK n dn dc N   (7) 

where n was the refractive index of the medium, and dn/dc was the refractive index increment 

against polymer concentration (ml/g), NA was the Avogadro's number, and λ was the wavelength 

of the incident light (633. nm).  dn/dc value of alginate determined with a Milton Roy 
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refractometer was 0.150.  The slope of a curve extrapolated to the zero concentration was 

regarded as RG in Eq. (6).   

The persistence length (lP) of methacrylic alginate was further calculated from the RG value, 

assuming the polymers were freely-jointed linear Gaussian chains.
82

 

 
2( )

3

P
G

L l
R


  (8) 

L was the contour length of a polymer chain (the sum of all skeletal bond lengths).   

 

3.4.4 Hydrogel Preparation 

1 mL of pre-gelled solution was prepared by mixing the low MW PEGDA (PEGDA 400, Mn ~ 

400, Polysciences) with methacrylic alginate of varying methacrlyic DS.  The concentration of 

PEGDA 400 was kept constant at 10 wt %, while increasing the amount of methacrylic alginate 

up to 2.5 wt %.  For another set of experiments, the total polymer concentration was kept 

constant at 10 wt %, while increasing the fraction of methacrylic alginate from 0 to 0.2.  The 

mixture of pre-gelled solution was further mixed with 0.01 wt % Irgacure 2959 (Ciba).  The 

pre-gelled solution was subsequently placed between two glass plates with 1 mm spacers, 

followed by exposure to UV light for 10 minutes to induce radical cross-linking reaction.  Gel 

disks (10 mm in diameter) were punched out, and the disks were further incubated in phosphate 

buffer saline (PBS, pH 7.4) for 24 hours at 37C.   

For control experiments, 10 wt % PEGDA solution was mixed with PEGDAs with varied 

Mw (i.e., PEGDA 2000 or PEGDA 14000).  The concentration of PEGDA 2000 or PEGDA 

14000 was increased up to 3 wt % while keeping PEGDA 400 concentration constant.  The pre-
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gelled mixture was cross-linked following the same procedure used to prepare the hydrogel of 

PEGDA 400 and methacrylic alginate.   

 

3.4.5 Characterizations of the hydrogel stiffness and swelling ratio   

The hydrogel stiffness was evaluated with measurement of the elastic modulus of a hydrogel.  

Following the incubation in the neutral PBS for 24 hours, the gel disk was compressed at a rate 

of 1 mm/min using a mechanical testing system (MTS Insight).  The elastic modulus was 

calculated from the slope of a stress (σ) vs. strain (λ) curve at the first 10% strain.
83,84

   

The hydrogel swelling ratio was quantified as the weight ratio of a gel incubated in the PBS 

for 24 hours to the dried gel.  For certain experiments, the gel disks were incubated in PBS of 

varied pH and ionic strength.  The pH of PBS was altered from 3 to 10, and the ionic strength 

was altered by varying total salt concentration of PBS from 0 (pure DI water) to 1.6 M.  The 

ionic strength (IPBS) of the PBS was calculated as follows, 

 

2

1
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2

n

PBS i i

i

I c z


   (9) 

where ci was the molar concentration and zi was the charge number of each ion.
85

   

 

3.4.6 Magnetic Resonance Imaging (MRI) of a hydrogel  

MRI was carried out using 600 MHz Varian Unity/Inova nuclear magnetic resonance (NMR) 

spectrometer (14.1 T magnet) at room temperature.  Each gel disk (10 mm in diameter, 1 mm in 

thickness) was placed in a glass bottle (20 mm in diameter, 40 mm in height), then inserted into a 

RF (Radio Frequency) coil.  Spin echo multi-slice (SEMS) pulse sequence was used to acquire 
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resonance data, which were then converted into water density map using VNMR 6.1C 

software.
65

  For SEMS pulse sequence, the repetition time (TR) of 2.5 s and the echo time (TE) 

of 5 ms were used.  The field of view (FOV) was 1.6 x 1.6 cm, and the image matrix was 128 x 

64 pixels. The resulting water density images were processed to present the density spectrum for 

comparison using MATLAB (The Mathworks
TM

).  For visualization, pseudo-color was added to 

the images using the ImageJ software (free image analysis software from National Institutes of 

Health).  For counting water intensity peaks, the rectangular gel picture from the image was 

selected, and the histogram of the image (count vs. color intensity) was taken using the ImageJ 

software (free software from National Institutes of Health).  The amount of water in a hydrogel 

was calculated by integrating the histogram for the color intensity higher than 150.   

 

3.4.7 Cell encapsulation into a hydrogel and analysis of the cell viability  

PC12 cells, from a rat pheochromocytoma (ATCC), were expanded and passaged at 37 ºC 

with 5% CO2 in F-12K medium supplemented by 15% horse serum, 2.5% fetal bovine serum and 

1% penicillin/streptomycin (all from ATCC).  All the cells before the passage number of 7 were 

used in this study.  The PC12 cells were resuspended in 1 mL of the pre-gelled solution which 

contained 10 wt % of a gel-forming polymer and 0.01 wt % of Irgacure 2959.  The cell density 

was kept constant at 3 × 10
6
 cells mL

-1
.  The cell-encapsulating gel disks (5 mm diameter, 1 

mm thickness) were made, as described in the section 2.4, and incubated in the cell growth 

medium for one day.   

The viability of encapsulated cell was evaluated by adding 0.1 mL of a growth medium and 

0.01 mL of MTT (3-(4,5-dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide) reagent (ATCC) 
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into a well of a 96-well plate which contains each gel disk.  Following the addition of MTT 

reagent, the medium was incubated for four hours at 37 ºC with 5% CO2 while being gently 

shaken.  Live cells (stained as dark purple) in the hydrogels were imaged using a CCD camera 

(Leica D-LUX 3) mounted on an inverted microscope (Leica DMIL).  The live cell fraction was 

further quantified by adding 0.1 mL of a MTT detergent solution (ATCC) to each well and 

further incubating at 37 ºC overnight to dissolve the dark purple product.  The gel disk was 

removed from each well, and the absorbance of the surrounding medium at 570 nm was 

measured using a spectrophotometer (Synergy HT, Biotek). 

 

3.4.8 Release of serum protein from hydrogels 

    0.1 mL of fetal bovine serum (Invitrogen) was included in 1 mL of gel-forming polymer 

solution.  The gel-forming polymer consisted of PEGDA and varying concentration of 

methacrylate alginate (0 to 2.4 wt %), while keeping the total concentration at 10 wt %.  

Hydrogel was fabricated as described in Section 2.4.4.  Each hydrogel disk (10 mm in diameter, 

1 mm in thickness) was placed in 0.5 mL of PBS, and incubated at 37 ºC for 3 days.  The PBS 

was collected and the protein content was analyzed with BCA Protein Assay Kit (Thermo 

Scientific) following the manufacturer’s instructions.  
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3.5 Figures 

 

 

Figure 3.1 2-aminoethyl methacrylate was conjugated to alginate by amide-forming EDC 

chemistry to make methacrylic alginate (MA).  To induce hydrogel degradation, alginate was 

oxidized to present hydrolytically labile functional groups prior to conjugation of methacrylate to 

prepare oxidized methacrylic alginate.   
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Figure 3.2 Persistence length (lP) of various methacrylic alginate molecules, calculated from 

their radius of gyration (RG) values measured using static light scattering. The lP values were 

normalized with the lP value of MA-1 to demonstrate the relative difference among different 

methacrylic alginate molecules (denoted as lP’).  
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Figure 3.3 Elastic moduli (E) of PEGDA hydrogels copolymerized with (a) methacrylic alginate 

or (b) PEGDA with varying MW.  The concentration of PEGDA 400 was kept constant at 10 wt % 

while increasing the concentration of MA with varying methacrylic DS (MA-1(), MA-2 (▼), 

and MA-3(▲)) or high MW PEGDA (PEGDA 2000 (◀) and PEGDA 14000 (▶)) up to 2.5 wt %.  

For pure PEGDA 400 hydrogel, the same amount of PEGDA 400 was increased up to 2.5 wt % 

for comparison (). 
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Figure 3.4 (a) Normalized elastic modulus (E/E0) values of hydrogels were related to the 

normalized density of methacrylic groups (Ψ/Ψ0).  E and Ψ were normalized to those of pure 

PEGDA 400 hydrogel at 10 wt % (E0, Ψ0).  (b) The stiffening efficiency (Φ
E
), defined as the 

slope of E/E0 and Ψ/Ψ0 in (a), increased with incorporation of MA into PEGDA 400 hydrogel.  
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Figure 3.5 Normalized elastic modulus (E/E0) values of PEGDA 400-MA hydrogels were also 

increased with mass fraction of MA (MA) at a constant total concentration of 10 wt %.  E was 

normalized to that of pure PEGDA 400 hydrogel at 10 wt % (E0). , ▼, and ▲ represent 

PEGDA 400 hydrogel reinforced by MA-1, MA-2, and MA-3, respectively. 
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Figure 3.6 (a) Incorporation of MA into PEGDA 400 hydrogel made minimal change of the 

swelling ratio (Q) of a hydrogel, independent of the concentration and methacrylic DS.  The 

concentration of PEGDA 400 was kept constant at 10 wt % while increasing the concentration of 

MA with varying methacrylic DS (MA-1(), MA-2 (▼), and MA-3(▲)) up to 2.5 wt %.  For 

pure PEGDA 400 hydrogel (), the same amount of PEGDA 400 was increased up to 2.5 wt %. 

(b) Increasing the mass fraction of methacrylic alginate (MA) while keeping the total 

concentration at 10 wt % also made minimal change of the swelling ratio (Q) of the hydrogel. In 

(b), , ▼, and ▲ represent PEGDA 400 hydrogels reinforced by MA-1, MA-2 and MA-3, 

respectively. 
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Figure 3.7 Swelling ratio (Q) of PEGDA hydrogels with varying MW. The concentration of 

PEGDA 400 was kept constant at 10 wt% while increasing the concentrations of high Mw 

PEGDA (PEGDA 2000 or PEGDA 14,000) up to 2.5 wt%. For pure PEGDA 400 hydrogel, the 

same amount of PEGDA 400 was increased up to 2.5 wt% for comparison. PEGDA 400 (), 

PEGDA 400 with PEGDA 2000 (◀), PEGDA 400 with PEGDA 14000 (▶).  
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Figure 3.8 (a) The water distribution through the hydrogel before and after the incubation in 

PBS (IPBS = 0.22 M) was visualized with magnetic resonance imaging (MRI).  Total polymer 

concentration of a hydrogel was kept constant at 12 % (w/w), and the mass fraction of MA with 

varying methacrylic DS was changed from 0 to 0.02.  Pseudo-color was added to show the 

water proton peak intensity (see the scale bar on the right).  (b) The distribution of water in a 

hydrogel was quantified by dissecting the images along the horizontal axis, and calculating the 

amount of water in each segment. In (b),  represents pure PEGDA 400 hydrogel.  and ▲ 

represent PEGDA 400 hydrogels reinforced by MA-1 and MA-3, respectively.   
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Figure 3.9 Normalized elastic modulus (E/E0) and swelling ratio (Q/Q0) were related to each 

other. E and Q were normalized to those of pure PEGDA 400 hydrogel at 10 wt% (E0, Q0). The 

elastic modulus was inversely related to the swelling ratio for the pure PEGDA hydrogel, 

whereas incorporation of methacrylic alginate (MA) into the PEGDA 400 hydrogel made 

minimal change in the swelling ratio independent of elastic modulus.  represents pure PEG400 

hydrogel. , ▼, and ▲ represent PEGDA 400 hydrogel reinforced by MA-1, MA-2, and MA-3, 

respectively. ◀ and ▶ represent PEGDA 400 hydrogels reinforced by PEGDA 2000 and 

PEGDA 14000, respectively.  
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Figure 3.10 Normalized swelling ratio (Q/Q0) and elastic modulus (E) of PEGDA-methacrylic 

alginate hydrogels were related to (a) ionic strength (IPBS) and (b) pH of the incubating medium 

(PBS).  The swelling ratio values (Q) of a hydrogel were normalized to the swelling ratio at IPBS 

of 0.22 M and pH of 7.4 (Q0).  
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Figure 3.11 (a) The initial elastic moduli (E0) of PEGDA-OMA hydrogels were independent of 

the number of oxidized uronic acid (oUA) residues per OMA molecule.  (b) The hydrogels were 

incubated in PBS at 37 ºC, and the changes in their elastic moduli (E/E0) were measured over 

time.  E values at various time points were normalized with those measured before incubation 

(E0).  hydrogel cross-linked with MA (0 oUA), ▲ hydrogel cross-linked with OMA (25 oUA), 

and ▼hydrogel cross-linked with OMA (50 oUA). 
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Figure 3.12 (a) PC12 cells encapsulated in PEGDA 400 hydrogels (A) and PEGDA 400 

hydrogels with varying amounts of methacrylic alginate (B,C,D) were stained with MTT (dark 

purple in live cells). The total polymer concentration was kept constant at 10 wt%, while 

increasing the mass fraction of methacrylic alginate. A: pure PEGDA 400 (10 wt %), B: PEGDA 

400 (9.4 wt %) + MA-2 (0.6 wt %), C: PEGDA 400 (8.8 wt %) + MA-2 (1.2 wt %), D: PEGDA 

(7.6 wt %) + MA-2 (2.4 wt %). (Scale bar: 100 μm)  (b) The amounts of live cells in the 

hydrogels were quantified by dissolving the MTT product and measuring the absorbance at 570 

nm (A570). In (b), blank condition represents the negative control (assay performed on cell 

growth media).  (c) The relative cell viability, calculated as the absorbance value of each 

condition normalized with that of negative control (blank) shown in (b), was related to the elastic 

modulus (E) of the hydrogel.  
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Figure 3.13 Amount of serum protein released from hydrogels was measured.  Hydrogels 

consisted of PEGDA and methacrylate.  The total polymer concentration was kept constant at 

10 wt%, while increasing the mass fraction of methacrylic alginate. 1: pure PEGDA 400 (10 

wt %), 2: PEGDA 400 (9.4 wt %) + MA-2 (0.6 wt %), 3: PEGDA 400 (8.8 wt %) + MA-2 (1.2 

wt %), 4: PEGDA (7.6 wt %) + MA-2 (2.4 wt %) 
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Chapter 4  Polyaspartamide-Based Linkers Allow 

Single-Step Conjugation of Protein to Materials3 

 

4.1 Introduction 

A variety of organic and inorganic materials are widely used in the assembly of in vitro cell 

culture platforms, biomedical implants, and bio-microelectromechanical systems (bio-MEMS) 

devices.
6,19,86-89

  These materials are usually chemically linked with a series of proteins, such as 

fibronectin, collagen, and antibodies, in order to control cellular adhesion to the materials.
90,91

  

The number and spacing of these proteins act as insoluble signals to regulate cellular 

phenotypes.
7,10,25

  Various forms of bi-functional linkers are increasingly used for stable protein 

conjugation.
92-95

  These linkers largely contain two monovalent functional groups: one reactive 

to a protein and the other reactive to a material.  These linkers require multiple modification 

and purification steps during molecular synthesis and protein conjugation to target substrates, 

thus necessitating extensive labor.  In addition, the number of monovalent linkers should 

increase in tandem with the amount of protein conjugated to the materials due to their 

monovalency, which raises concerns over increased cytotoxicity and inadvertent changes in 

material properties. 

To resolve these challenges encountered with the use of monovalent linkers, this study 

presents a simple top-down synthetic strategy to prepare a polyaspartamide linker with controlled 

multivalencies of reactive groups to both proteins and materials.  In addition, this study also 

                                           
3
  Reproduced with permission from Bioconjugate Chemistry DOI:10.1021/bc200339s (Copyright ©  2011 

American Chemical Society) 
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demonstrates that the polymeric linkers allow us to conjugate cell adhesion proteins with a single 

step.  Polysuccinimde (PSI) consists of a series of succinimidyl units which allow ring-opening 

nucleophilic addition.
96,97

  In this study, we partially opened the succinimidyl rings of PSI with 

a controlled amount of amine-based nucleophiles that are reactive to a target material, in order to 

create a polyaspartamide linker in a top-down manner.  The protein of interest, which also 

contains amine groups, would be conjugated to the intact succinimidyl groups of 

polyaspartamide in the same fashion as the amine-based nucleophilic substituents.  This 

synthetic strategy allows the linker to present a variety of functional groups needed for 

conjugation to specific materials simply by using nucleophiles containing different functional 

groups.  Here, we demonstrate the function and versatility of this polyaspartaminde linker with 

two applications:  (1) protein conjugation to a hydrogel using a polyaspartamide linker 

containing methacrylic groups; and (2) protein conjugation to a gold coated bio-MEMS device 

using a polyaspartamide linker containing thiol groups. 
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4.2 Results 

4.2.1 Synthesis of polysuccinimide 

Polysuccinimide (PSI) with the average molecular weight of 22,000 g mol
-1

 was polymerized 

by acid-catalyzed polycondensation of aspartic acid and used as a starting molecule (Figure 4.1, 

I).
98

  The chemical structure was determined from 
1
H-NMR, and the molecular weight of PSI 

determined by gel permeation chromatrography was 22,000 g mol
-1

.  Ths PSI consists of a 

series of succinimidyl ring moieties that allow ring-opening nucleophilic reaction of amine-

functionalized molecules. 

 

4.2.2 Synthesis of poly(2-hydroxyethyl-co-2-methacryloxyethyl aspartamide)  

First, a polyaspartamide linker that can conjugate cell adhesion proteins to a hydrogel was 

prepared.  For this purpose, designated amounts of ethanolamine and 2-aminoethyl 

methacrylate were added sequentially to PSI to prepare poly(2-hydroxyethyl-co-2-

methacryloxyethyl aspartamide) (PHMAA) (Figure 4.1, II).  The addition of 2-aminoethyl 

methacrylate to PSI presented the linker with methacrylic groups needed for radical 

polymerization.  The ethanolamine allowed us to control the number of unreacted succinimidyl 

groups independent of the number of methacrylic groups, and also to render the linker water-

soluble by presenting hydroxyl groups. 

The ability of PHMAA to co-polymerize with gel-forming monomers was evaluated by 

examining whether the PHMAA can cross-link acrylamide monomers to form a hydrogel, and to 

further control hydrogel properties.  PHMAA was able to cross-link acrylamide to form a 

hydrogel via in situ free radical polymerization (Figure 4.2).  Furthermore, the PHMAA could 
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increase the elastic modulus and resistance to fracture of the hydrogel with the number of 

methacrylate (Figure 4.3a).  PHMAA was then reacted with fibronectin (Fn), a cell adhesion 

protein, to prepare Fn reactive to a hydrogel (Fn-PHMAA) (Figure 4.1, III).  The reaction 

between PHMAA and Fn was confirmed by monitoring the decrease of free amine groups 

quantified with TNBS (trinitrobenzenesulfonic acid) assay (Figure 4.3b).
99

  Increasing the 

amount of Fn while keeping PHMAA constant led to a more rapid decrease of amine groups in 

the TNBS assay, indicating that the multivalency of unreacted succinimidyl groups in PHMAA 

could tune the number of Fn molecules linked with PHMAA.  

 

4.2.3 Cell adhesion on Fn-PHMMA modified hydrogel surface 

Fn-PHMAA was used to control the size and spacing of cell adhesion domains on a 

polyacrylamide hydrogel, combined with a micro-contact printing technique (Figure 4.4)
100

  

Briefly, a circular array of Fn-PHMAA was placed on a glass surface using a micro-contact 

stamp onto which the Fn-PHMAA was physically adsorbed.  Both the diameter and spacing of 

the circles were kept constant at 500 µm.  The subsequent in situ polymerization and cross-

linking reaction of acrylamide on top of the micropatterened Fn-PHMAA resulted in a 

polyacrylamide hydrogel which presented circular arrays of fibronectin with regular size and 

spacing on its surface, as confirmed with immunofluorescent labeling (Figure 4.5).  The 

fibronectin density per circular pattern was kept constant at 5 μg cm
-2

.  In contrast, the in situ 

polymerization and cross-linking reaction of acrylamide on top of pure Fn without PHMAA, a 

negative control, resulted in limited conjugation of Fn to the surface.  
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The circular patterns of Fn on the hydrogel were recognized by cells plated on the gel.  

Fibroblasts seeded on the hydrogel surface with circularly patterned Fn-PHMAA adhered 

exclusively on the patterned area (Figure 4.5).  Furthermore, the cells adhered to the circular 

pattern proliferated over time, while remaining confined to the patterned area (Figure 4.6).  In 

contrast, the hydrogel patterned with pure Fn displayed limited cell adhesion.  

The same results were also observed when type I collagen and human airway smooth muscle 

cells (haSMCs) were used instead of Fn and fibroblasts (Figure 4.7).  For this study, collagen 

linked with PHMAA was used to prepare the hydrogel with a circular array of collagen at a 

density of 10 μg cm
-2

, following the same procedure as described in Figure 4.4.  haSMCs 

exclusively adhered and proliferated within this circularly patterned hydrogel area.  This result 

verifies that PHMAA can chemically link a variety of cell adhesion proteins to the hydrogel and 

control spatial organization of a wide array of anchorage-dependent cells. 

 

4.2.4 Synthesis of poly(2-hydroxyethyl-co-2-mercaptoethyl aspartamide)  

Poly(2-hydroxyethyl-2-mercaptoethyl aspartamide) (PHMCA) with the controlled number of 

thiol groups was synthesized for its use in protein conjugation to gold-coated inorganic 

substrates.  Gold has been extensively used in biosensors such as bio-MEMS and surface 

plasmon resonance (SPR), due to its inertness, robust structural integrity, and excellent 

conductivity.
101,102

  The same synthetic procedure to create PHMAA was used, except that 

cysteamine was used as a nucleophile to present thiol groups (Figure 4.8).  The number of thiol 

groups in PHMCA, which are available to react with gold, was determined to be 10 per 
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molecules, according to a colorimetric assay using Ellman’s reagent.
103

  PHMCA was then 

mixed with Fn to prepare the Fn-PHMCA. 

 

4.2.5 Fn-PHMCA on Bio-MEMS device for cell traction force measurement 

Fn-PHMCA was used to chemically modify the surface of the gold-coated probe of a bio-

MEMS device which is designed to measure cell traction force.
104,105

  The bio-MEMS device is 

made from a single crystal silicon wafer, and the surface of its probe was coated with gold to 

prevent non-specific interaction with cells (Figure 4.9).  Then, the probe was immersed in a 

solution of Fn-PHMCA to chemically link Fn to the probe (Figure 4.8).  Separately, another 

device was also immersed in a solution of pure Fn as a negative control.   

The probe modified with Fn-PHMCA or pure Fn was allowed to contact a fibroblast to form 

specific bonds between Fn and cellular integrins.  The device was then pulled from the cell at a 

rate of 1 μm s
-1

, and the force that the cell exerts to pull the probe from the device was calculated 

by the equation F = kδ, where k is the spring constant of the sensor beams to which the probe is 

attached, and δ is the displacement of the probe from its original position (Figure 4.10a).  The 

probe coated by the pure Fn was readily detached from the cell with only a small displacement 

(average δ ~ 6 µm), indicating poor linkage between Fn and the probe.  In contrast, the cell 

contacted by a Fn-PHMCA modified probe exerted a significant traction force resulting in an 

average δ of 55 µm.  The maximum force generated with the Fn-PHMCA modified probe 

reached 185 nN, whereas the force generated with the Fn-modified probe was limited to only 20 

nN (Figure 4.10b). 
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4.3 Discussion 

This study presents a novel strategy of synthesizing versatile polyaspartamide linkers that 

allow convenient conjugation of proteins to a variety of materials.  The synthetic strategy of 

introducing functional groups by nucleophilic addition to PSI in a top-down manner allowed us 

to independently control the number of units reactive to proteins and those to materials in a 

highly efficient manner.  In addition, these linkers allow a convenient one-step conjugation of 

various proteins to organic and inorganic materials.  

The polyaspartamide linker developed in this study fully utilizes the unique and favorable 

properties of PSI:  (1) PSI can be easily synthesized by one-step polycondensation reaction of 

aspartic acid.  This bypasses the necessity of multiple synthesis and purification steps required 

for many conventional systems.  (2) A series of succinimidyl ring moieties in PSI allows 

nucleophilic addition reaction, thus allowing desirable functional groups to be conjugated simply 

by using nucleophiles which contain the functional groups.  Amine-based nucleophiles are 

generally used to create polyaspartamide products, as primary amine groups undergo facile 

nucleophilic reaction with succinimidyl groups with high yield and result in stable amide bonds.  

(3) The PSI which undergoes the ring-opening nucleophilic reaction becomes a beta peptide 

structure which is stable, water soluble and biocompatible, and thus highly suitable for biological 

applications.   

An important feature of the polyaspartamide linker that sets apart from other linkers and 

should be recognized is the controlled multivalency of reactive groups.  Small molecule linkers 

generally have a limited number of reactive groups, so the amount of linkers should increase 

with the amount of protein, which may lead to unwanted change in material properties.  On the 
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other hand, polyaspatamide linker has multiple reactive groups to both material and protein, thus 

the amount of linker can be kept constant and minimal.  This multivalency of polyaspartamide 

linker could be easily controlled by the amount of nucleophiles used to conjugate functional 

groups to PSI.  Furthermore, it does not require any additional chemicals to link functional 

groups (i.e. coupling agents, secondary linkers), as the amine-based nucleophiles are directly and 

efficiently conjugated to the PSI via ring-opening nucleophilic addition. 

Another important feature of polyaspartamide linker is the versatility.  As PSI allows ring-

opening addition of amine-based nucleophiles to form polyaspartamide, a variety of molecules 

that contain an amine group and another functional group which is reactive towards a material 

could be presented to the polyaspartamide linker.  In this study, we have explored the versatility 

of the linker by creating a polyaspartamide linker presenting thiol groups, as well as the linker 

presenting methacrylate for its use in hydrogels.  The thiol-presenting polyaspartamide linker 

was successfully applied to conjugating a protein to a gold-coated bio-MEMs device.  Thus, it 

is expected that it could be possible to further utilize a wide array of conjugation chemistries 

necessary for tailor-made materials. 
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4.4 Materials and Methods 

4.4.1  Synthesis of poly(2-hydroxyethyl-co-2-methacryloxyethyl aspartamide) (PHMAA) and 

poly(2-hydroxyethyl-co-2-mercaptoethyl aspartamide) (PHMCA) 

[Synthesis of polysuccimide] 

Polysuccinimide (PSI) was synthesized by acid-catalyzed polycondensation of aspartic 

acid.
98

  Briefly, L-aspartic acid (50 g, 376 mol, Sigma Aldrich) and o-phophoric acid (18 mmol, 

Fisher Scientific) were mixed in sulfolane (100 mL, Sigma Aldrich), and refluxed at 180 °C for 

10 hours under dry N2.  Water formed during the reaction was continuously removed with a 

Dean-Stark trap.  After the reaction, the product was precipitated in methanol.  The product 

was filtered and washed several times with deionized (DI) water to remove excess acid catalyst, 

and the removal was confirmed with an electronic pH meter (Mettler Toledo).  The molecular 

structure of the product was analyzed with 
1
H-NMR (DMSO-d6, Figure 4.11).  The molecular 

weight of PSI was determined by gel permeation chromatography (Breeze 2 GPC, Waters), with 

Styragel®  HT column (Waters).  Dimethylformamide (DMF) containing 20 mM LiBr was used 

as the eluent, with the elution rate of 1 mL min-1.  Polystyrene standards were used for 

calibration.  Mn = 17,200 g mol
-1

, Mw = 22,000 g mol
-1

, PDI = Mw/Mn = 1.28. 

 

[Syntheses of poly(2-hydroxyethyl-co-2-methacryloxyethyl aspartamide) (PHMAA) and poly(2-

hydroxyethyl-co-2-mercaptoethyl aspartamide) (PHMCA)] 

PSI (0.2 g, 0.009 mmol) was first dissolved in DMF (20 mL).  Ethanolamine (Fisher 

Scientific) was added and stirred for 6 hours at 60 °C under dry N2.  Then, 2-aminoethyl 

methacrylate hydrochloride (AEMA, Sigma Aldrich) and triethylamine (TEA, Fisher Chemicals) 
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were added to the mixture and further stirred at room temperature overnight.  The molar ratio of 

AEMA to TEA was 1:3.  The insoluble salt formed (TEA-HCl) was removed by filtration.  

The product was precipitated in dry ether and filtered.  The product was then washed with 

methanol 3 times, and dried under vacuum.  The chemical structure of PHMAA was analyzed 

with 
1
H-NMR (DMSO-d6, Figure 4.12).  The amount of AEMA was varied from 0.041 to 0.515 

mmol to control the degree of methacrylate substitution, defined as the percentage of 

succinmidyl groups reacted with AEMA, from 2 to 25 %.  The amount of ethanolamine was 

adjusted accordingly, from 0.825 to 1.299 mmol, so as to keep the percentage of unopened 

succimidyl groups constant at 35 %.   

For the synthesis of poly(2-hydroxyethyl-co-2-mercaptoethyl aspartamide) (PHMCA), 

ethanolamine (1.44 mmol), cysteamine hydrochloride (0.21 mmol, Sigma Aldrich) and 

triethylamine (5 mmol) were dissolved separately in 1 mL of DMF and stirred for 10 minutes.  

Then, the mixture was added to PSI (0.2 g, 0.009 mmol) dissolved in 20 mL of DMF, and stirred 

at 60 °C overnight under dry N2 gas.  The product was acquired by precipitation in methanol, 

and analyzed with 
1
H-NMR (DMSO-d6, Figure 4.13).  The degree of thiol substitution, defined 

as the percentage of succinimidyl groups reacted with cysteamine was 5 %, as determined by 

Ellman’s test, indicating 50 % of cysteamine reacted to present thiol groups in PHMCA.  

To account for the possible side reaction, in which cysteamine reacts with succinimidyl 

groups to form thioester linkage, elemental analysis was performed to determine the total number 

of sulfur in PHMCA (Microanalysis Laboratory, School of Chemical Sciences, University of 

Illinois).  The percentage of thioester formation was calculated by, ( ) / 100S SH S    , where 
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S  is the total number of sulfur from the elemental analysis, and 
SH  is the number of thiol 

from Ellman’s test.  

 

[Quantification of thiol groups in PHMCA with Ellman’s test] 

The number of thiol groups in PHMCA was determined with a colorimetric assay using 

Ellman’s reagent.
103

  Briefly, PHMCA dissolved in 10 μL of water was mixed with 990 μL of 

Ellman’s reagent (0.1 mM 5,5’-dithio-bis(2-nitrobenzoid acid) and 2.5 mM sodium acetate 

dissolved in 0.1 M Tris buffer (pH 8.0)).  After 5 minutes of incubation at room temperature, 

the absorbance at 415 nm was obtained with a spectrophotometer (Synergy HT, BioTek).  The 

assay was also performed on varying amounts of cysteamine standards to obtain a standard curve. 

 

4.4.2 Preparation and characterization of PHMAA-crosslinked hydrogel  

[PHMAA cross-linked polyacrylamide hydrogel formation] 

1 mL of pre-gel solution consisting of 8 wt % of acrylamide (Fluka), 3 wt % of PHMAA, and 

0.1 wt % of Irgacure 2959 (Ciba), was prepared.  The solution was placed between two glass 

plates with a 1 mm spacer, and irradiated with ultraviolet (UV) light (Jelight Co.) for 10 minutes 

to form a hydrogel.   

 

[Evaluation of mechanical properties of the hydrogel] 

Hydrogel disks (10 mm diameter) were incubated in phosphate buffered saline (PBS) for 24 

hours at 37 °C.  Then, each gel disk was subjected to uniaxial compression at the rate of 1 mm 

min
-1

 (Insight, MTS Systems).
52

  The elastic modulus was calculated from the slope of a stress 
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vs. strain curve at the first 10 % strain.  The hydrogel toughness was evaluated by measuring 

the tensile energy.  The rectangular hydrogel strip (3 × 5 cm) was subjected to uniaxial 

stretching at the rate of 1 mm min
-1

, until the gel strip was fractured into two pieces.  The 

tensile energy (in J kg
-1

) was quantified by first calculating the area under the force vs. 

displacement curve to acquire the tensile work, then dividing it by the mass of the hydrogel.  

 

4.4.3 Conjugation of fibronectin (Fn) (or type I collagen) to PHMAA 

Fibronectin (Fn) (BD Biosciences) was dissolved in phosphate buffered saline (PBS, pH 7.4) 

at the concentrations of 0.02 or 0.1 mg mL
-1

.  1 mg of PHMAA (or PHMCA) was added to 1 

mL of each Fn solution, and stirred at room temperature for 4 hours.  The conjugation was 

confirmed with TNBS (trinitrobenzenesulfonic acid) assay which measures the amount of 

primary amine groups.
99

  Briefly, a sample of 0.05 mL was taken from the reaction mixture at 

each time point.  Then, 0.05 mL of TNBS working solution (0.1 % TNBS, 4 % NaHCO3, pH 

8.5) was added to the sample and allowed to react for 2 hours at 37 °C.  After the reaction, 0.05 

mL of 10 % sodium dodecyl sulfate was added, followed by addition of 0.05 mL of 1 M HCl.  

The absorbance at 335 nm was read using a spectrophotometer (Synergy HT, BioTek).  To 

conjugate type I collagen to PHMAA, 1 mg of PHMAA was added to 1 mL of type I collagen 

solution (1 mg mL
-1

), and stirred for 4 hours at room temperature.  The collagen solution was 

prepared by diluting a 3 mg mL
-1

 stock solution (Advanced BioMatrix) with 1 M HEPES buffer 

(pH 7.5), and kept on ice before the addition of PHMAA.  The percentage of free amine groups 

in Fn reacted with succinimidyl groups of PHMAA was assessed by the decrease of absorbance 

in the TNBS assay (Table 4.1).   
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4.4.4 Covalent attachment of Fn-PHMAA on hydrogel surface 

[Micropatterning of Fn-PHMAA (or collagen-PHMAA) on a glass surface by micro-contact 

printing] 

Fn-PHMA (or collagen-PHMAA) was placed on top of a PDMS stamp which consists of an 

array of circular posts with a diameter of 500 um (Figure S3), and incubated at 37 °C for 2 

hours.5  The Fn-PHMAA solution on top of the PDMS was removed, and the PDMS stamp was 

dried by blowing dry N2 gas.  The PDMS stamp was placed on top of a glass slide and gently 

pressed, followed by incubation at 37 °C for 1 hour.  The PDMS stamp was removed, and the 

glass slide was kept under vacuum until further use.  Pure Fn (or collagen) was used as a 

negative control.  

 

[Hydrogel formation on Fn-PHMAA (or collagen-PHMAA) patterned glass] 

Glass coverslips (1.8 × 1.8 cm) were treated with 0.4 % 3-(trimethoxysilyl propyl) 

methacrylate (pH 3.5, adjusted with glacial acetic acid) for 1 hour, in order to allow covalent 

bonding of hydrogel to the coverslip via co-polymerization.
106

  A pre-gel solution, which 

consists of 8 wt % acrylamide and 0.2 wt % N,N,N’,N’-methylenebisacrylamide, was added with 

0.1 wt % of ammonium persulfate and 0.1 wt % of tetramethylethylenediamine to initiate the 

polymerization.  The solution was placed on a Fn-PHMAA (or collagen-PHMAA) 

micropatterned glass slide, and immediately covered with a pre-treated coverslip.  After 30 

minutes to allow the hydrogel to form, the coverslip was gently detached from the glass slide.  

The hydrogel is attached on the coverslip, not on the glass slide.  The hydrogel was washed 
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with PBST (PBS supplemented with 0.05 % Tween 20) 3 times to remove unreacted Fn-

PHMAA (or collagen-PHMAA), followed by washing with PBS. 

 

[Immunofluorescent labeling of Fn-PHMAA (or collagen-PHMAA) patterned hydrogel] 

To confirm the covalent attachment of micropatterned Fn-PHMAA (or collagen-PHMAA) on 

the hydrogel surface, immunofluorescent labeling with an antibody was used.
107

  Briefly, the 

Fn-PHMAA (or collagen-PHMAA) conjugated hydrogel was incubated in a blocking solution (1 % 

BSA and 0.05 % sodium azide in PBS) for 30 minutes.  After removing the blocking solution, 

the hydrogel was incubated with a primary antibody (mouse anti-fibronectin antibody, mouse 

anti-type I collagen antibody (Sigma Aldrich)) for 2 hours at room temperature.  After washing 

with PBST 3 times, the hydrogel was incubated with fluorescent-labeled secondary antibody 

(anti-mouse IgG-FITC, Sigma Aldrich) for 2 hours at room temperature.  After removing 

secondary antibody and washing with PBST 3 times, the fluorescent image of the hydrogel 

surface was captured with a fluorescence microscope (DM6000 B, Leica).  The dilution ratios 

of primary and secondary antibodies were 1:500 and 1:200, respectively.   

 

4.4.5 Cell culture on Fn-PHMAA (or collagen-PHMAA) patterned hydrogel 

[Fibroblast culture on Fn-PHMAA patterned hydrogel] 

To test the functionality of Fn-PHMAA, fibroblasts (NIH 3T3, from American Type Cell 

Culture) were placed on the hydrogel surface patterned with Fn-PHMAA.  1 × 10
4
 cells 

suspended in 0.1 mL of culture medium (Dulbecco’s Modified Eagle Medium (DMEM) 

supplemented with 10 % fetal bovine serum and penicillin/streptomycin, all purchased from 
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Invitrogen) were placed on top of each hydrogel.  The cells were incubated at 37 °C with 5 % 

CO2 for 1 hour to allow the cells to adhere to the hydrogel surface.  Then, the hydrogel was 

washed with PBS to remove unbound cells, and further incubated in fresh culture medium.  The 

cells growing on the hydrogel were imaged with a CCD camera mounted on an inverted 

microscope (Leica DMIL).   

To visualize the actin organization and nuclei of the cells adhered on the hydrogel, the cells 

were stained with fluorescently labeled phalloidin (Alexa Fluor®  488 phalloidin) and 4',6-

diamidino-2-phenylindole (DAPI).  The fluorescent image of the cells was captured with a 

fluorescence microscope (DM6000 B, Leica). 

 

[Human airway smooth muscle cell culture on collagen-PHMAA patterned hydrogel] 

Primary human airway smooth muscle cells (haSMCs) were isolated using a previously 

described method.
108

  Briefly, human bronchi from lung specimens incidental to patient surgery 

(Mayo Clinic, Rochester, MN) were used to obtain haSMCs (de-identified specimens not 

considered human subjects research; approved by Mayo Clinic Institutional Review Board).  

Specimens were derived from lobectomy or pneumenectomy samples where surgeries were 

performed for removing localized tumors or for transplant.  Specimens removed for metastatic 

tumors or infections were not used.  Bronchial samples were immersed in ice-cold Hanks’ 

Balanced Salt Solution (HBSS, with 2.5 mM Ca
2+

), the epithelial layer was removed by blunt 

dissection, and then the haSMC layer was excised and finely minced in ice-cold Ca
2+

-free HBSS.  

The cells were isolated using collagenase digestion, followed by ovomucoid/albumin separation.  

The collected cells were resuspended in culture medium (DMEM/F-12K (50:50) supplemented 
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with 10 % fetal bovine serum and penicillin/streptomycin, all purchased from Invitrogen), and 

plated on a tissue-culture flask.  The cells were expanded and passaged twice before use.   

1 × 10
4
 cells suspended in culture medium were placed on top of collagen-PHMAA patterned 

hydrogel, and incubated at 37 °C with 5 % CO2 for 1 hour to allow the cells to adhere to the 

patterns.  Then, the hydrogel was washed with PBS to remove unbound cells, and further 

incubated in fresh culture medium.  The cells growing on the hydrogel were imaged with a 

CCD camera mounted on an inverted microscope (Leica DMIL). 

 

4.4.6 Fn-PHMCA treatment of gold-coated bio-MEMS force sensor 

The bio-MEMS device used to measure a cell-exerted traction force is depicted in Figure 4.9.  

The device was made by fabricating single-crystal silicon wafer using a modified SCREAM 

(Single-Crystal Reactive Etching and Metallization) process. The detailed fabrication procedure 

is described elsewhere.
104,105

  The probe of the bio-MEMS device was coated with 10 nm 

chrome followed by 40 nm gold by evaporative deposition.  The device was immersed in Fn-

PHMCA (0.020 mg mL
-1

 of Fn) solution for 6 hours, followed by washing in PBS and deionized 

water for 1 hour each.  

 

4.4.7 Imaging and force calculation.   

The experimental setup for the force measurement using the bio-MEMS device is depicted in 

Figure 4.9.  The device is mounted on a holder which is connected to a piezo actuator that can 

move in x-, y-, and z-direction by 1 nm resolution.  Fibroblasts were plated on a tissue-cultured 

petri dish (35 mm), and incubated in the culture medium at 37 °C with 5 % CO2 for one hour, 



 

 

85 

 

and then the dish was placed on the microscope stage.  The position of the dish and the focus of 

the microscope were adjusted to visualize the cell to be measured.  Then, the device was moved 

so that the probe contacted the cell, as evidenced by a small indentation of the cell.  After 30 

minutes, the device was slowly moved away from the cell in a lateral direction (+x direction), 

controlled with the piezo actuator at a rate of 1 μm min
-1

.  The entire process of the cell force 

measurement was monitored and recorded with a CCD camera (Olympus MagnaFire) mounted 

on an inverted microscope (Olympus CK40). 

The traction force (F) exerted by the cell was calculated using the following equation, 

 F k  (10) 

where k was the spring constant of sensor beams to which the probe was attached (3.4 nN μm
-

1
),

105
 and δ was the maximum displacement of the sensor beams, measured by the distance 

between the reference point and the measure point of the device. 
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4.5 Figures & Tables 

 

 

Figure 4.1 Synthesis of poly(2-hydroxyethyl-co-2-methacryloxyethyl aspartamide) (PHMAA) 

linker, and its linkage to ECM protein.  Polysuccinimide (PSI) was first synthesized by acid-

catalyzed polycondensation reaction of aspartic acid (I).  PSI was then treated with 

ethanolamine and 2-aminoethyl methacrylate to form PHMAA via ring-opening nucleophilic 

addition (II).  Finally, PHMAA was linked to ECM by the same mechanism (III).  
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Figure 4.2 The ability of PHMAA to co-polymerize with gel-forming polymers was confirmed 

by using it to cross-link acrylamide to form hydrogel.  PHMAA could cross-link acrylamide to 

form a hydrogel (C), whereas acrylamide (A) or PHMAA (B) alone at the same concentration 

could not form hydrogel.  
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Figure 4.3 (a) Elastic modulus (E) and tensile energy (WT) of polyacrylamide hydrogel cross-

linked with PHMAA with varying degree of methacrlyate substitution (DSMA). Conjugation of 

Fn to PHMAA was monitored with TNBS assay.  (b) The absorbance at 330 nm (A330) was 

measured over time, which indicates the reduction in free amine groups of Fn.  The absorbance 

values were normalized with the initial value (A330,0) to represent the relative change.  The 

reaction between Fn (0.02 mg mL
-1

(), 0.1 mg mL
-1

(▲) and PHMAA resulted in decreased 

normalized absorbance values, whereas that of pure Fn remained constant (■).   
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Figure 4.4 Schematic descriptions of (a) preparing a micro-pattern of protein on a glass surface 

using micro-contact printing technique, and (b) fabricating a hydrogel on top of micro-patterned 

protein on the glass surface.   
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Figure 4.5 Circular pattern of Fn-PHMAA (I, left) or pure Fn (II, left) on polyacrylamide 

hydrogel visualized with immunoflurescent labelling.  Fibroblast adhesion was more active on 

the Fn-PHMAA pattern (I, right), compared with pure Fn pattern (II, right) (Scale bar: 100 μm.)  
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Figure 4.6 Proliferation of fibroblasts within the circular pattern of Fn-PHMAA visualized with 

fluorescein-phalloidin (green) and DAPI (blue), respectively (a magnified image of a circular 

pattern shown on right). (scale bar: 100 μm) 
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Figure 4.7 Microscopic images of human airway smooth muscle cells adhered on a circular 

pattern of collagen-PHMAA on a hydrogel.  The cells were imaged 1 day (I) and 3 days (II) 

after incubation.  The cells adhered and proliferated only on the circular pattern of collagen-

PHMAA. (Scale bar: 100 μm)  
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Figure 4.8 Synthesis of PHMCA and its reaction with fibronetin (Fn) to form Fn-PHMCA.  

Chemically reactive thiol groups are marked with green circles.  Fn-PHMCA was used to 

conjugate Fn to gold-coated bio-MEMS device.  
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Figure 4.9 (a) Schematic description of the bio-MEMS device to measure the traction force 

exerted by a cell.  The probe, which is coated with a cell-adhesion protein, is placed to contact 

the cell surface.  The device is moved away from the cell, and the traction force exerted by the 

cell deflects the sensor beams to which the probe is connected.  The force (F) is calculated from 

the equation, F = kδ, where k is the spring constant of the sensor beams and δ is their 

displacement.  (b) The experimental setup for the cell force measurement.  The bio-MEMS 

device attached to a device holder is connected to a piezo actuator and a mechanical stage which 

can control the movement of the device in a nanometer and micrometer scale, respectively.  The 

experiment is contiuously monitored and recorded with a CCD camera mounted on an inverted 

microscope. 
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Figure 4.10 (a) Schematic description of cell force measurement using the bio-MEMS device.  

First, the probe which is coated with Fn is placed to contact the cell (I).  After incubation, the 

device is moved away from the cell laterally (red arrow) at a constant rate (II).  The probe is 

connected to sensor beams.  Due to the cell’s adhesion to the probe, it is displaced from the 

original position, as indicated by the difference between the measure point and reference point.  

The probe is continuously pulled until it is finally detached from the cell (III). (Scale bar: 15 µm.)  

(b) The maximum force (Fmax) exerted by the cell was significantly larger when the probe was 

conjugated with Fn-PHMCA than with pure Fn. 
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Figure 4.11 
1
H-NMR spectrum of polysuccinimide (PSI). 
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Figure 4.12 
1
H-NMR spectrum of poly(2-hydroxyethyl-co-2-methacryloxyethyl aspartamide) 

(PHMAA). 
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Figure 4.13 
1
H-NMR spectrum of poly(2-hydroxyethyl-co-2-mercaptoethyl aspartamide) 

(PHMCA). 
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Table 4.1 The percentage of free amine groups in protein reacted with the polyaspartamide linker 

was evaluated by the decrease of absorbance in TNBS assay. 

Protein linker Protein Mass ratio (protein: linker) Percentage of amine reacted (%) 

PHMAA Fibronectin 1 : 0.02 9.8 

PHMAA Collagen 1 : 1 4.8 

PHMCA Fibronectin 1 : 0.02 7.4 
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Chapter 5   Assembly of Multi-Functional Hydrogel and 

Encapsulation of Therapeutic Cells 

 

5.1 Introduction 

   In this chapter, functional modules developed and described in Chapters 2, 3 and 4 are 

assembled to fabricate multi-functional hydrogel.  These modules serve different roles in 

controlling the hydrogel properties: (1) Introduction of hydrophilic pendant chains, described in 

Chapter 3, allows control of hydrogel stiffness by varying the number of pendant chains at the 

same polymer concentration, while limiting the change in permeability.
109

 (2) Methacrylic 

alginate, described in Chapter 2, allows facilitation of transport of bioactive molecules to 

improve the viability of encapsulated cells, while controlling the range of hydrogel stiffness with 

its concentration and degree of methacrylic substitution.
52,53

 (3) Polyaspartamide-based linker, 

described in Chapter 4, was used to conjugate a cell recognition protein into the hydrogel system 

in order to allow the cells to adhere to the hydrogel matrix.  The mechanical properties of the 

hydrogel, stiffness and permeability, are evaluated by measuring elastic modulus and swelling 

ratio.  Various structural factors, such as hydrophilic pendant chains, polymer concentration and 

degree of methacrylic substitution of alginate, were varied to evaluate their effects on controlling 

the mechanical properties.  Finally, mesenchymal stem cells are encapsulated into the hydrogels, 

and the effects of mechanical properties of hydrogel on their viability, proliferation and 

expression of vascular endothelial growth factor (VEGF) are explored. 
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5.2 Results 

5.2.1 Hydrogel fabrication 

   Hydrogel was made by photo-initiated radical co-polymerization of three gel-forming 

polymers: poly(ethylene glycol) diacylate (PEGDA), poly(ethylene glycol) monoacrylate 

(PEGMA) and methacrylic alginate (MA) (Table 5.1).  The degree of methacrlyic substitution, 

defined as the percentage of uronic acid residues in alginate conjugated with methacrylate, was 

fixed at 20 %.  The concentration of MA was also kept constant at 2 wt%.  To control hydrogel 

stiffness, the mass ratio of PEGDA to poly(ethylene glycol) monoacrylate (PEGMA) was varied, 

while keeping the total PEG concentration constant.  

 

5.2.2 Mechanical properties of hydrogels with varying ΦPEGMA 

   The stiffness of hydrogel was evaluated by measuring elastic modulus.  First, the 

concentration of MA (ϕMA) was kept constant 2 wt%, and the fraction of PEGMA (ΦPEGMA) from 

total PEG concentration (PEGDA and PEGMA combined) was varied (Table 5.1).  Increasing 

ΦPEGMA at the same total PEG concentration (ϕPEG) at 10 wt% led to the 10-fold decrease in 

elastic modulus of the hydrogel from 32 kPa to 3 kPa (Figure 5.1a).  Swelling ratio on the other 

hand increased only by a factor of 1.6.  These results were similar to those obtained with 

PEGDA-PEGMA hydrogels described in Chapter 3.  However, the total polymer concentration 

of 20 wt% was used to acquire those results, whereas only 10 wt% of total PEG concentration 

was needed to achieve the similar results when a small amount of MA was incorporated.   

 

 



 

 

102 

 

5.2.3 Effects of polymer components on hydrogel mechanical properties 

5.2.3a Concentration of PEG   

   Total PEG concentration (ϕPEG) was varied from 6 wt% to 12 wt% to evaluate its effect on 

mechanical properties of hydrogels (Table 5.2).  The MA concentration (ϕMA) was kept constant 

at 2 wt%.  The range of elastic modulus controlled by ΦPEGMA became wider with ϕPEG, as the 

range increased from 20 kPa to 40 kPa when ϕPEG increased from 6 wt% to 12 wt% (Figure 5.2a).  

There was a small decrease in swelling ratio with increasing ϕPEG.  However, the range of 

swelling ratio controlled by ΦPEGMA, on the other hand, was not greatly affected by ϕPEG (Figure 

5.2b).  

 

5.2.3b Concentration of MA  

   Next, the concentration of MA (ϕMA) was varied from 0.6 wt% to 2 wt% to evaluate its effect 

on mechanical properties (Table 5.3).  ϕPEG was kept constant at 10 wt%.  Increasing ϕMA at 

constant ϕPEG had a greater impact on the overall mechanical properties of the hydrogels than 

increasing ϕPEG at constant ϕMA, as both elastic modulus and swelling ratio changed more with 

smaller change in ϕMA than with larger change in ϕPEG.  Elastic moduli were significantly 

increased with increasing ϕMA at all ΦPEGMA, even though the increment was less than 1 wt% 

(Figure 5.3a).  Conversely, swelling ratio values decreased significantly with increasing ϕMA at 

all ΦPEGMA (Figure 5.3b).  This result shows that presence of MA within a hydrogel system 

contributes greatly to the overall hydrogel structure. 
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5.2.3c Degree of methacrylic substitution of MA  

   Degree of methacrylic substitution (DSMA), defined as the percentage of uronic acid residues 

in alginate conjugated with methacrylate, was varied from 10 % to 45 % (Table 5.4) to evaluate 

its effect on mechanical properties.  ϕPEG and ϕMA were kept constant at 10 wt% and 1.6 wt%, 

respectively.  Elastic modulus increased in proportion to DSMA at all ΦPEGMA (Figure 5.4a).  

Also, the range of elastic modulus controlled with ΦPEGMA became wider with DSMA, from 20 

kPa to 75 kPa.  Swelling ratio decreased at all ΦPEGMA with increasing DSMA, although the 

extent of decrease was not as significant as increase in elastic modulus (Figure 5.4b).  The 

range of swelling ratio controlled by ΦPEGMA was not significantly affected by DSMA. 

 

5.2.4 Dependency between elastic modulus and swelling ratio 

Elastic modulus (E) and swelling ratio (Q) of hydrogels were correlated to evaluate the effect 

of modulating (1) concentration of PEG (ϕPEG), (2) concentration of MA (ϕMA) or (3) DSMA of 

MA, described in the previous section, on their dependency while varying ΦPEGMA.  The 

dependency was quantified by ΨE-Q, defined as the slope of E vs. Q curves.   

Increasing ϕPEG resulted in a small increase in the range of elastic modulus, while the range 

of swelling ratio was not significantly affected (Figure 5.5a).  Increasing ϕMA increased the 

range of E and decreased the range of Q.  It also shifted the range of E to higher values and the 

range of Q to lower values (Figure 5.5b).  Increasing ϕPEG did not have significant effect on the 

ΨE-Q values, whereas increasing ϕMA resulted in increased ΨE-Q, indicating greater change in E at 

a given range of Q (Figure 5.6a-b).   

Increasing DSMA increased the range of E more significantly than increasing ϕPEG or ϕMA, 
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while the range of Q was not greatly changed (Figure 5.5c).  Consequently, the increase in ΨE-Q 

values was much greater than those controlled with ϕPEG or ϕMA.  

 

5.2.5 Effect of hydrogel properties on viability and growth factor expression of encapsulated 

cells 

   Mesenchymal stem cells were encapsulated into hydrogels with varying elastic modulus, and 

their viability and vascular endothelial growth factor expression (VEGF) were evaluated.  The 

stiffness of hydrogel was controlled by ΦPEGMA, while keeping ϕPEG and ϕPEG constant at 10 wt% 

and 1.2 wt%, respectively.  To promote cell adhesion, fibronectin conjugated with poly(2-

hyroxyethyl-co-2-methacryloxyethyl aspartamide) (PHMAA) linker was incorporated into the 

hydrogel.  First, the viability of cells encapsulated in the hydrogel was determined by staining 

the cells with MTT after 24 hours.  The viability showed biphasic dependence on the hydrogel 

stiffness, with the maximal viability value at 10 kPa (Figure 5.6a-b).  VEGF expression per 

viable cell on the other hand was not significantly affected by the hydrogel stiffess, as the 

expression level remained constant at all conditions (Figure 5.6c).    
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5.3 Discussion  

   In this study, hydrogel system was developed by combining the three modules described in 

previous chapters: hydrophilic pendant chains, methacrylic alginate (MA) and protein linked 

with polyaspartamide linker.  Mechanical properties of hydrogels were controlled with the 

fraction of hydrophilic chains, which allowed control of hydrogel stiffness while limiting the 

change in permeability.  They were further modulated with the concentration of poly(ethylene 

glycol) (PEG), the concentration of MA, and the degree of methacrylic substitution of MA.  

Finally, mesenchymal stem cells were encapsulated within the hydrogels conjugated with cell 

adhesion protein linked by a polyaspartamide linker to evaluate the effect of mechanical 

properties on cell functions. 

   Presenting hydrophilic pendant chains, by incorporating poly(ethylene glycol) monoacrylate 

(PEGMA), limited the increase in permeability while controlling the stiffness, as demonstrated in 

Chapter 3.  Incorporation of methacrylic alginate (MA) into the PEGDA-PEGMA hydrogels 

allowed the same range of stiffness and permeability to be achieved while using much lower 

polymer concentration.  For example, due to the presence of 1.6 wt% of MA, only 10 wt% of 

total PEG concentration was needed to get the same range of hydrogel stiffness, which was 

acquired with 20 wt% of total PEG concentration without MA.  This result demonstrates the 

dominating influence of MA within a hydrogel system in modulating mechanical properties, due 

to its robust molecular structure and hydrophilicity, as previously discussed.  Furthermore, MA 

also allows further control of mechanical properties by changing either concentration or degree 

of methacrylic substitution.   

   The dependency between hydrogel stiffness and permeability was modulated by the 
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concentration and degree of methacrylic substitution (DSMA) of MA, but not with the 

concentration of PEG.  Increasing the PEG concentration from 6 wt% to 12 wt% did increase 

the range of elastic modulus, but the range of swelling ratio conversely decreased at a similar 

extent.  So the overall dependency was not affected by the concentration of PEG.  On the other 

hand, increasing the concentration or degree of methacrylic substitution of MA resulted in a 

significant increase in the range of elastic modulus, but the range of swelling ratio was not 

greatly affected.  This is due to the unique properties of alginate that was extensively 

investigated and presented in Chapter 2; methacrylic alginate imparts mechanical strength to the 

hydrogel structure through its stiff molecular structure and multivalency of methacrylic groups, 

while facilitates diffusion by its hydrophilicity that compensates for increased cross-linking 

density.  Thus, incorporation of methacrylic alginate into PEGDA-PEGMA hydrogel system 

allows control of hydrogel stiffness in a wider range, either with concentration or DSMA, and still 

limits the change in permeability. 

   The hydrogel system was used to evaluate the effect of hydrogel stiffness on the viability and 

growth factor expression of mesenchymal stem cells (MSC).  The viability of MSCs displayed 

a biphasic dependence on the hydrogel stiffness.  This result is similar to that presented in 

Chapter 3, in which NIH 3T3 fibroblasts were encapsulated in hydrogels with varying stiffness.  

But the maximal viability was shown at different hydrogel stiffness; the maximal viability of 

MSCs was at ~10 kPa, and that of fibroblasts was at ~25 kPa.  This hydrogel system therefore 

demonstrated the various responses from different types of cells towards hydrogel stiffness in 3D, 

and thus successfully provided the 3D platform for exploring cellular behavior under various 

mechanical environments.   
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Interestingly, VEGF expression from MSCs was not influenced by the hydrogel stiffness, 

which is in contrast to that from fibroblasts, which displayed biphasic dependence on the 

stiffness.  It may be possible that stimulation of VEGF expression from the fibroblasts using a 

chemical modulator may have enhanced the effect of hydrogel stiffness, since the chemical 

modulator stimulated protein kinase C which is also well known to be influence by external 

mechanical stimuli.
110

  VEGF expression from MSCs was measured without any soluble factors, 

since they constitutively express VEGF.  It is therefore expected that the similar chemical 

stimulation of MSCs may further reveal the effect of hydrogel stiffness on the VEGF expression. 



 

 

108 

 

5.4 Materials and Methods 

5.4.1 Hydrogel fabrication   

   1 mL of pre-gel solution containing 0.01 wt% Irgacure 2959 (Ciba) was placed in between 

two glass plates with 1 mm spacer.  The solution was then irradiated with UV (Jelight Co.) for 

10 minutes to allow gel to form.  Hydrogel disks were punched out (10 mm in diameter) and 

incubated in PBS (pH 7.4) at 37 ºC for 24 hours before characterization of elastic modulus and 

swelling ratio 

 

5.4.2 Evaluation of elastic modulus and swelling ratio 

The hydrogel stiffness was evaluated with measurement of the elastic modulus of a hydrogel 

subjected to uniaxial compression.  Following the incubation in the neutral PBS for 24 hours, 

the gel disk was compressed at a rate of 1 mm min
-1

 using a mechanical testing system (MTS 

Insight).  The elastic modulus was calculated from the slope of a stress (σ) vs. strain (λ) curve at 

the first 10% strain.
83,84

  The hydrogel swelling ratio was quantified as the weight ratio of a gel 

incubated in the PBS for 24 hours at 37 ºC to the dried gel. 

 

5.4.3 Encapsulation of mesenchymal stem cells into hydrogels 

   Mesenchymal stem cells, derived from human embryonic cell line, H9, were obtained from 

Aruna Biomedical Inc.  The cells were adherently grown and expanded in culture medium 

(alpha-MEM supplemented with 10% fetal bovine serum and penicillin/streptomycin, all 

purchased from Invitrogen), and passaged twice before using.  The cells were suspended in pre-

gel solution at a density of 5 × 10
5
 cells mL

-1
, and gel was fabricated as described previously.  
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To promote cell adhesion, fibronectin conjugated with PHMAA linker (0.1 mg mL-1, detailed 

synthesis is described in Chapter 4) was incorporated into each pre-gel solution.  The gel disks 

(5 mm in diameter) were incubated in the culture medium at 37 ºC with 5% CO2.   

 

5.4.4 Analysis of cell viability in hydrogels 

Cell-encapsulated hydrogels were exposed to MTT (3-(4,5-dimethylthiazol-2-yl)-2,5-

diphenyltetrazolium bromide) to assess the number of viable cells.
53

  MTT is taken up and 

enzymatically reduced by viable cells to become MTT formazan which has a maximum 

absorbance at 570 nm.  Briefly, each hydrogel disk was placed in one well of a 96-well plate 

with 0.1 mL of growth medium.  10 μL of MTT Reagent (ATCC) was added to each well and 

incubated for 4 hours at 37 ºC.  Then, 0.1 mL of stop solution (20 % sodium dodecyl sulfate in 

water/dimethylformamide (50:50)) was added to the well and incubated overnight to let the 

product diffuse out of the hydrogel and completely dissolve.  The absorbance of the 

surrounding medium at 570 nm, which represents the number of viable cells positively stained 

with MTT, was measured using a spectrophotometer (Synergy HT, BioTek).  The absorbance 

was normalized by that of a pure medium, due to color variations of growth medium over time.  

The normalized absorbance was divided by that measured right after cell encapsulation, in order 

to quantify the cell viability as percentage of cells that remained viable.  

 

5.4.5 Analysis of vascular endothelial growth factor expression in hydrogels   

After incubating cell-encapsulated hydrogels in cell culture medium, the medium was 

collected and the amount of VEGF released was quantified with an enzyme-linked 
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immunosorbent assay (Human VEGF Quantikine ELISA kit, R&D systems).  The medium 

incubated with cell-free hydrogel disks was assayed as a negative control.  The amount of 

VEGF released from each hydrogel disk was normalized with the number of viable cells 

measured at the same time point to represent VEGF expression level by each viable cell.   
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5.5 Tables and Figures 

 

Table 5.1 Formulations of hydrogels consisting of PEGDA, PEGMA and methacrylic alginate 

(MA).  Mechanical properties were controlled by varying the mass fraction of PEGMA 

(ΦPEGMA). 

ϕPEG (wt%)* ϕMA (wt%)* ΦPEGMA (%)* DSMA (%)* 
10 2 0 20 

10 2 12.5 20 

10 2 25 20 

10 2 75 20 

10 2 100 20 

*ϕPEG: total PEG concentration, ϕMA: MA concentration, ΦPEGMA: mass fraction of PEGMA from 

total PEG, DSMA: degree of methacrylic substitution 

 

 

 

 

 

 

 
 

Figure 5.1 Elastic moduli (E,) and swelling ratios (Q,) of hydrogels consisting of PEGDA, 

PEGMA and methacrylic alginate (MA).  The mass fraction of PEGMA from total PEG 

concentration (ΦPEGMA) was varied while keeping the total PEG and MA concentrations constant.   
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Table 5.2 Formulations of hydrogels consisting of PEGDA, PEGMA and methacrylic alginate 

(MA).  Mechanical properties controlled by varying the mass fraction of PEGMA (ΦPEGMA) 

were examined at various total PEG concentrations (ϕPEG). 

 

(a) 

ϕPEG (wt%)* ϕMA (wt%)* ΦPEGMA (%)* DSMA (%)* 
6 2 0 20 

6 2 12.5 20 

6 2 25 20 

6 2 75 20 

6 2 100 20 

 

(b) 

ϕPEG (wt%)* ϕMA (wt%)* ΦPEGMA (%)* DSMA (%)* 
10 2 0 20 

10 2 12.5 20 

10 2 25 20 

10 2 75 20 

10 2 100 20 

 

(c) 

ϕPEG (wt%)* ϕMA (wt%)* ΦPEGMA (%)* DSMA (%)* 
12 2 0 20 

12 2 12.5 20 

12 2 25 20 

12 2 75 20 

12 2 100 20 

*ϕPEG: total PEG concentration, ϕMA: MA concentration, ΦPEGMA: mass fraction of PEGMA from 

total PEG, DSMA: degree of methacrylic substitution of MA  
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Figure 5.2 Effect of total PEG concentration (ϕPEG) on modulating (a) elastic modulus (E) and (b) 

swelling ratio (Q) of hydrogels with ΦPEGMA.  The concentrations of ϕPEG were 6 wt% (), 10 

wt% () and 12 wt% (▲).   
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Table 5.3 Formulations of hydrogels consisting of PEGDA, PEGMA and methacrylic alginate 

(MA).  Mechanical properties controlled by varying the mass fraction of PEGMA (ΦPEGMA) 

were examined at various total MA concentrations (ϕMA). 

 

(a) 

ϕPEG (wt%)* ϕMA (wt%)* ΦPEGMA (%)* DSMA (%)* 
10 0.6 0 20 

10 0.6 12.5 20 

10 0.6 25 20 

10 0.6 75 20 

10 0.6 100 20 

 

(b) 

ϕPEG (wt%)* ϕMA (wt%)* ΦPEGMA (%)* DSMA (%)* 
10 1.2 0 20 

10 1.2 12.5 20 

10 1.2 25 20 

10 1.2 75 20 

10 1.2 100 20 

 

(c) 

ϕPEG (wt%)* ϕMA (wt%)* ΦPEGMA (%)* DSMA (%)* 
10 2 0 20 

10 2 12.5 20 

10 2 25 20 

10 2 75 20 

10 2 100 20 

*ϕPEG: total PEG concentration, ϕMA: MA concentration, ΦPEGMA: mass fraction of PEGMA from 

total PEG, DSMA: degree of methacrylic substitution of MA  
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Figure 5.3 Effect of total MA concentration (ϕMA) on modulating (a) elastic modulus (E) and (b) 

swelling ratio (Q) of hydrogels with ΦPEGMA.  The concentrations of ϕMA were 0.6 wt% (), 1.2 

wt% () and 2 wt% (▲).  
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Table 5.4 Formulations of hydrogels consisting of PEGDA, PEGMA and methacrylic alginate 

(MA).  Mechanical properties controlled by varying the mass fraction of PEGMA (ΦPEGMA) 

were examined at various degree of methacrylic substitution of MA (DSMA). 

 

(a) 

ϕPEG (wt%)* ϕMA (wt%)* ΦPEGMA (%)* DSMA (%)* 
10 1.6 0 10 

10 1.6 12.5 10 

10 1.6 25 10 

10 1.6 75 10 

10 1.6 100 10 

 

(b) 

ϕPEG (wt%)* ϕMA (wt%)* ΦPEGMA (%)* DSMA (%)* 
10 1.6 0 20 

10 1.6 12.5 20 

10 1.6 25 20 

10 1.6 75 20 

10 1.6 100 20 

 

(c) 

ϕPEG (wt%)* ϕMA (wt%)* ΦPEGMA (%)* DSMA (%)* 
10 1.6 0 45 

10 1.6 12.5 45 

10 1.6 25 45 

10 1.6 75 45 

10 1.6 100 45 

*ϕPEG: total PEG concentration, ϕMA: MA concentration, ΦPEGMA: mass fraction of PEGMA from 

total PEG, DSMA: degree of methacrylic substitution of MA  
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Figure 5.4 Effect of degree of methacrylic substitution of MA (DSMA) on modulating (a) elastic 

modulus (E) and (b) swelling ratio (Q) of hydrogels with ΦPEGMA.  The DSMA were 10 % (), 

20 % () and 45 % (▲).  



 

 

118 

 

 

   
 

 
 

Figure 5.5 Elastic modulus (E) and swelling ratio (Q) of hydrogels controlled with ΦPEGMA were 

correlated while changing (a) total PEG concentration (ϕPEG), (b) MA concentration (ϕMA), and (c) 

degree of methacrylic substitution of MA (DSMA).  
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Figure 5.6 The dependency between elastic modulus (E) and swelling ratio (Q) was quantified 

by ΨE-Q, the slope of E vs. Q curves shown in Figure 5.5. ΨE-Q values were obtained for 

hydrogels controlled with (a) total PEG concentration (ϕPEG), (b) MA concentration (ϕMA) and (c) 

degree of methacrylic substitution (DSMA).   
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Figure 5.7 (a) Phase-contrast microscopic images of mesenchymal stem cells (MSC) taken 24 

hours after encapsulation in hydrogels with with varying stiffness.  Stiffness was controlled by 

ΦPEGMA, while keeping ϕPEG and ϕMA constant at 12 wt% and 1.2 wt%, respectively.  The viable 

cells were positively stained with MTT (dark purple). (Scale bar: 100 μm)  (b) The viability was 

related to elastic modulus (E) of hydrogels. (*p<0.05)  (c) VEGF expression from MSCs 

normalized by the number of viable cells was related to E. 
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Chapter 6  Biomineralization of Hydrogel Controlled 

by Hydrophobicity, Charge Density and Porosity4
 

 

6.1 Introduction 

Mineralized polymeric matrices have emerged as promising tools to uncover the complex 

roles of the cellular microenvironment in regulating the diverse phenotypic activities of stem and 

progenitor cells related to the development, repair, regeneration, and remodeling of bone 

tissue.
111-113

  The success in using the mineralized matrix for these studies greatly relies on the 

ability to assemble a mineralized matrix chemically and morphologically similar to a natural 

bone matrix.  During the last two decades, extensive efforts have been made to understand the 

complex roles of soluble and insoluble factors in controlling the chemical composition and 

structure of minerals deposited onto polymer matrices.
114-116

  It is now common to incorporate 

charged polymers
115-119

 or oligopeptides
114,120,121

 in the polymer matrix in order to facilitate 

deposition of mineral ions throughout the matrix.  

Furthermore, it has often been suggested that the role of chemical motifs should be mediated 

by other matrix variables, such as pore size and the density of hydrophobic motifs, specifically 

for the mineralization of a three dimensional (3D) matrix.
16,122-126

  However, the potential 

interplay among matrix variables in mineralization has not yet been systematically examined 

because of a lack of tools enabling the independent control of the density of chemical motifs, the 

density of hydrophobic motifs, and pore size. 

                                           
4
  Reproduced with permission from Biomaterials DOI:10.1016/j.biomaterials.2010.12.038 (Copyright ©  2011 

Elsevier Ltd.) 
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In this study, we uncover the combined effects of charge density, hydrophobicity, and pore 

size of a matrix on the 3D mineralization process using a hydrogel formulated to tune the matrix 

variables in an independent manner.  The resulting mineralized hydrogel matrices were then 

used to examine the role of minerals in enhancing the viability of stem cells cultured within the 

3D matrix.  There have been previous studies on the mineralization of hydrogels and their 

subsequent use to enhance the viability of cells cultured on the matrices; however, these studies 

largely focused on controlling mineralization solely by modifying the density of charged groups 

in the hydrogel.
127

  In this study, we systematically examined the interplay between several 

matrix variables in mineralization using a hydrogel system consisting of hydrophilic 

poly(ethylene glycol) monomethacrylate (PEGmM), hydrophobic poly(propylene glycol) 

monomethacrylate (PPGmM), and negatively charged methacrylic alginate (MA).  Specifically, 

the charge density and hydrophobicity of the hydrogel were separately controlled with the mass 

fraction of MA and the mass ratio between PPGmM and PEGmM.  Furthermore, pore size was 

independently controlled to investigate both hydrogels containing only nano-sized pores and 

those processed to create micro-sized pores.
128-130

  Hydrogels with varying mass fractions of 

PEGmM, PPGmM, and MA (Table 6.1) were incubated in the modified simulating body fluid 

(mSBF) for one week to induce mineralization.  The chemical properties and morphology of the 

minerals, analyzed with several imaging and spectroscopic tools, were related to the hydrogel 

variables.  Adipose derived stem cells (ADSCs) were then incorporated into the mineralized 

pores to examine the effects of minerals on cellular viability during cell culture. 
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6.2 Results 

6.2.1 Hydrogel design and characterization    

Hydrogels consisting of poly(propylene glycol) monomethacrylate (PPGmM), poly(ethylene 

glycol) monomethacrylate (PEGmM), and methacrylic alginate (MA) were prepared by 

chemically cross-linking the three polymers (Figure 6.1).  The hydrogels could not be formed 

without MA, indicating that MA acts as a cross-linker of PPGmM and PEGmM.  The hydrogel 

formed via radical polymerization, termed a nanoporous hydrogel, presented pores with 

diameters on the order of tens of nanometers, according to the calculation from the swelling ratio 

at equilibrium using Eq. (11) (Table 6.1a).  The nanoporous hydrogel was further lyophilized to 

prepare a hydrogel which presents micro-sized pores with diameters on the order of tens of 

micrometers, termed a microporous hydrogel.  Incorporation of the micro-sized pores 

significantly increased the water diffusivity by one order of magnitude as compared with the 

nanoporous hydrogel (Table 6.1b).  In addition, introducing micro-sized pores into the hydrogel 

did not significantly alter initial elastic modulus of the hydrogel (data not shown). 

For both nanoporous and microporous hydrogels, the charge density of the hydrogel was 

tuned with the mass fractions of MA (ΦMA) at the same mass fractions of PPGmM (ΦPPGmM) and 

PEGmM (ΦPEGmM).  As expected, an increase of ΦMA from 0.007 to 0.04 doubled both the 

charge density (Cgel) and the diameter of nanopores (ξnano) in the hydrogel (Table 6.1a).  

However, the diameter of the micro-sized pores (ξmicro) was independent of ΦMA.  The initial 

elastic modulus of the hydrogel (E0) was slightly increased with ΦMA, due to the increase of 

cross-linking density.  The hydrophobicity of the hydrogel was tuned separately varying 

ΦPPGmM from 0 to 0.72 at a given ΦMA of 0.04, thereby decreasing ΦPEGmM from 0.96 to 0.24 
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(Table 6.1b).  Increasing ΦPPGmM decreased the water diffusivity of microporous hydrogels 

(Dmicro) more significantly than that of the nanoporous hydrogels (Dnano).  Increasing ΦPPGmM 

slightly decreased ξnano from 23 to 17 nm, but made minimal change in ξmicro.  There was no 

significant difference of initial elastic modulus with changes in ΦPPGmM. 

 

6.2.2 Mineralization of a hydrogel controlled by mass fractions of methacrylic alginate (MA) 

and poly(propylene glycol) monomethacrylate (PPGmM)   

The hydrogels prepared and characterized above were incubated in modified simulated body 

fluid (mSBF) to induce mineralization of the gel matrices, marked by changes in the 

transparency and stiffness of the hydrogel.  As expected, the concentrations of calcium and 

phosphate accumulated within the hydrogel were significantly increased with increasing ΦMA for 

both nanoporous and microporous hydrogels (Figure 6.2).  The calcium and phosphate 

concentrations were therefore dependent on the charge density of the gel matrix (Cgel) altered 

with ΦMA (Table 6.1a).   

At a given ΦMA, ΦPPGmM of the hydrogel also tuned the extent of mineralization, indicated by 

varying degrees of changes in the transparency, volume, and mechanical stiffness of the 

hydrogels incubated in mSBF.  The increase in opaqueness was more significant with increasing 

ΦPPGmM (Figure 6.3a), and the rigidity increase was roughly proportional to ΦPPGmM (Figure 

6.3b).  In addition, the increase of the elastic modulus was greater for microporous hydrogels 

than for nanoporous hydrogels, regardless of ΦPPGmM.  Such effects of ΦPPGmM on the increases 

in opaqueness and stiffness of the hydrogel throughout the incubation in mSBF were related to 

the concentrations of calcium and phosphate within the hydrogel.   



 

 

125 

 

The calcium and phosphate concentrations of the nanoporous hydrogel were lower than those 

of the microporous hydrogel by approximately 30 %.  The calcium concentration was much 

higher than that of phosphate for both nanoporous and microporous hydrogels, and it was almost 

independent of ΦPPGmM.  In contrast, the phosphate concentration increased with ΦPPGmM for 

both nanoporous and microporous hydrogel (Figure 6.4a-b).  The dependency of the phosphate 

concentration on ΦPPGmM was inversely related to the change of water diffusivity within the 

microporous hydrogel (Figure 6.4c).  

To quantify the overall effects of the ΦMA, ΦPPGmM and micro-sized pores on the extent of 

mineralization, the relative supersaturation of calcium and phosphate with respect to apatite,

rel

Ca P  , was calculated.
131-134

  According to the calculation, increasing ΦMA at a constant ratio of 

ΦPPGmM and ΦPEGmM or increasing ΦPPGmM at a constant ΦMA of 0.04 led to the increase in 
rel

Ca P   

(Figure 6.5).  In both cases, the 
rel

Ca P   values of microporous hydrogels were larger than those 

of nanoporous hydrogels.  

 

6.2.3 Microscopic and spectroscopic analyses of mineralized hydrogels  

The minerals formed within a hydrogel matrix were further analyzed using microscopic and 

spectroscopic methods.  First, the morphology of minerals deposited within the hydrogel was 

imaged with scanning electron microscopy (SEM).  Spherulitic calcium phosphate particles 

were extensively deposited within the microporous hydrogels at the highest ΦPPGmM (at 0.72, 

Figure 6.6a).  In contrast, many fewer spherulitic minerals were formed within the microporous 

hydrogel at the lowest ΦPPGmM (at 0, Figure 6.6b).  Next, the chemical composition of the 

minerals was analyzed with energy-dispersive X-ray spectroscopy (EDX).  This analysis 
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confirmed that the spherulitic minerals mostly consisted of calcium and phosphate, and the 

average Ca/P ratio of the particles was 1.7, a typical value for apatite (Figure 6.7a).
135

  Finally, 

the organization of calcium and phosphate was examined with X-ray diffraction (XRD) 

spectroscopy, and the peak at 32° in the XRD spectrum suggested that the calcium and phosphate 

were organized in a crystalline form, a characteristic of apatite minerals (Figure 6.7c).
136

   

Fourier-transform infrared (FT-IR) spectroscopic analysis was performed to further 

characterize the minerals formed within the microporous hydrogels (Figure 6.8).  Interestingly, 

both the peaks associated with carbonate substitutions of apatite (1502, 1378, 1221 cm
-1

) and 

apatite peaks (1110, 1031, 943 cm
-1

) were seen.
15,136

  This indicates that the spherulitic mineral 

particles were carbonated hydroxyapatite minerals.  In addition to the apatite, a certain fraction 

of calcite was found in the microporous hydrogels, as confirmed on FT-IR by characteristic 

peaks of calcite (851, 746 cm
-1

).
137

   

In contrast, nanoporous hydrogels incubated in mSBF presented mostly rhombohedral 

crystals when imaged with SEM (Figure 6.6c-d).  The number of rhombohedral crystals was 

qualitatively dependent on ΦPPGmM.  EDX analysis of the rhombohedral crystal indicated the 

presence of calcium and oxygen, but not the presence of phosphorous (Figure 6.7b).  The XRD 

analysis showed a peak at 29° in the spectrum, which is characteristic of calcite minerals (Figure 

6.7d).
138

  Also, a certain fraction of apatite was found in the nanoporous hydrogel as indicated 

by the peak at 32°, which is consistent with the small amount of phosphate detected by the 

quantitative analysis in Fig. 3. 
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6.2.4 Analysis of cell viability in mineralized hydrogels   

Mesenchymal stem cells were incorporated into micropores of both non-mineralized and 

mineralized hydrogel of PEGmM, PPGmM and MA with varied ΦPPGmM.  Incorporation of the 

cells into mineralized pores of the hydrogel significantly increased the number of viable cells 

which stained positively with MTT reagents (Figure 6.9).  In addition, the enhancement of the 

cell viability level was more significant with the use of the hydrogel which contained the higher 

ΦPPGmM which also presented the larger number of spherulitic apatite particles within the 

hydrogel.   
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6.3 Discussion 

The results of this study demonstrate that the charge density, hydrophobicity, and pore size of 

a hydrogel matrix should be controlled in an integrated manner to regulate mineralization within 

the 3D matrix and further enhance the viability of cells cultured in it.  In this study, the charge 

density of a PEGmM-PPGmM-MA hydrogel was controlled with the mass fraction of charged 

MA, and the hydrophobicity was controlled with the mass fraction of hydrophobic PPGmM.  In 

addition, micro-sized pores were incorporated into the nanoporous hydrogel via lyophilization.  

Interestingly, an increase in the mass fractions of MA and PPGmM coupled with the presence of 

micro-sized pores in the hydrogel promotes the formation of apatite layers within the hydrogel.  

The critical roles of hydrogel variables in regulating mineralization were related to the relative 

supersaturation of calcium and phosphate with respect to apatite (
rel

Ca P  ).
131-134,139

  The higher 

supersaturation was associated with extensive apatite formation, while the lower or zero 

supersaturation was related to the formation of calcium carbonate instead of apatite.   The 

resulting apatite layers within the microporous hydrogel significantly increased the viability of 

stem cells laden into the micropores.    

The chemical composition and morphology of minerals grown within a 3D hydrogel matrix 

were predominantly determined by the presence of micro-sized pores in the hydrogel matrix, 

likely because of the change in permeability of mineral ions.  It is well known that ion transport 

through a 3D matrix and interactions between the ions and the matrix significantly regulate the 

mineralization process.
123-125

  Therefore, it is likely that the entry of bigger and more negatively 

charged phosphate ions into the nanoporous hydrogel is limited compared to that of carbonate, 

leading to the predominant formation of calcium carbonate minerals within the nanoporous 
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hydrogel.  In addition, the limited pore space in nanoporous hydrogels favored the formation of 

single crystals of rhombohedral morphology, typical of calcium carbonate.
140

  The small 

fraction of apatite found in the nanoporous hydrogel may have resulted from the minerals formed 

within a matrix closer to the gel surface.  In contrast, mineral ions, including calcium, carbonate, 

and phosphate, diffused into the microporous hydrogel more readily than into the nanoporous 

hydrogel, leading to the significant increase of supersaturation within the gel matrix.  Coupled 

with the larger pore space for crystallization, spherulitic apatite minerals grew into a laminated 

structure more favorably in the microporous hydrogel.  It is possible that carbonate also 

diffused into the microporous hydrogel, and likely associated with calcium.  However, it is 

suggested that the apatite formation should be more predominant, because the supersaturation 

with respect to apatite is higher than that for the more soluble calcium carbonate.     

This study also demonstrated that the mass fraction of MA of the hydrogel regulated the 

growth of minerals because of the changes in charge density.  Specifically, carboxylic groups in 

alginate induced the deposition of calcium ions in both nanoporous hydrogel and microporous 

hydrogel, leading to the accumulation of mineral ions.  The calcium ions associating with 

carboxylic groups facilitated the phosphate deposition onto the micropore surface.  For 

nanoporous hydrogels, however, the limited entry of phosphate into the gel matrix likely led to 

the association of calcium with carbonate.  The higher Ca/P ratio measured from the 

quantitative assay than from a spectroscopic assay should be attributed to calcium ions binding 

with carboxylic groups of alginate.  It is well known that divalent calcium ions ionically cross-

link alginate by binding with carboxylic groups, but they do not contribute to increasing the 

elastic modulus of the hydrogel below a critical concentration.
141

  The concentration of MA 
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used to prepare the hydrogel with PEGmM and PPGmM was much lower than the critical 

concentration. 

In addition, the phosphate deposition to the gel matrix was further enhanced by an increase in 

ΦPPGmM, specifically in the microporous hydrogel.  It was interpreted that an increase in ΦPPGmM 

(hence a decrease in ΦPEGmM) increased hydrophobicity of the hydrogels, as evidenced by the 

gradual decrease in water diffusivity.  The limited water diffusion through the micro-sized pores 

of the hydrogel increased the extent of supersaturation with respect to apatite, thus making the 

association between phosphate and calcium kinetically favorable.  Furthermore, the increased 

hydrophobicity of the hydrogel matrix likely enhanced the enthalpic interaction between the 

matrix and minerals, leading to increased mineral deposition.
122

  These interpretations suggest 

that hydrophobicity of the gel matrix imparts the phosphate deposition both kinetically and 

thermodynamically.   

Overall, we found that pore size, density of charged units, and hydrophobic units should be 

orchestrated together to control the composition of minerals and the degree of mineralization.  

This is distinctive from previous studies that largely focused on controlling mineralization solely 

with the density of charged units
 
of the hydrogel.

127,142
  In addition, the mineralization in those 

studies mostly occurred on the surface, and was limited within the hydrogel.  Furthermore, 

regardless of the presence of charged groups, the hydrogel systems previously used to derive 3D 

mineralization had to be subjected to an external stimulus, such as electrophoresis.
143,144

  These 

results imply that it is difficult to reach supersaturation within hydrogels because the small size 

and hydrophilic environment of the pores in conventional hydrogels limits the influx and 

subsequent deposition of mineral ions to the matrix.  We suggest that incorporation of PPGmM 
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and micro-sized pores into the charged hydrogel should readily lead to supersaturation and 

subsequent formation of minerals within the hydrogel in physiological conditions. 

Furthermore, the mineralized matrix generated by modulating both charge density and 

hydrophobicity of the hydrogel was beneficial to supporting the viability of cells incorporated 

into its micropores.  It was initially predicted that the increase in mass fraction of PPGmM 

would result in limited cell viability because of the decrease of water diffusivity through the gel 

matrix.  However, the enhanced apatite formation with PPGmM promoted the viability of 

encapsulated cells.  This result clearly demonstrated the relationship between the degree of 

mineralization of a 3D matrix and cellular viability.  

We envisage the result of this study reflects the mineralization of osteoid, the unmineralized 

organic portion of the bone matrix.
145

  Apatite formed in bone is known to contain a certain 

portion of carbonate.  This complex mineral structure of bone implies that the osteoid has 

sophisticated control over the supersaturation of biomaterials and transport of calcium, phosphate, 

and carbonate through the matrix.  A hydrogel developed to independently control charge 

density, hydrophobicity, and pore size may allow one to identify osteoid variables critical for 

both bone development and repair.  However, this should be preceded by a study to relate 

hydrogel variables to the incorporated amounts of carbonate in apatite.  Ultimately, further 

studies would enable one to create a hydrogel to regulate apatite formation and the carbonation 

of apatite in a controlled manner.   
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6.4 Materials and Methods 

6.4.1 Synthesis of methacrylic alginate (MA)   

Alginate with a high guluronic acid content (LF 20/40, MW 250,000 g mol
-1

, FMC 

BioPolymer) was dissolved in 0.1 M MES (2-(N-morpholino) ethanesulfonic acid) buffer (pH 

6.4) at 1 wt %.  1-hydroxybenzotriazole (Fluka), 1-ethyl-3-(3-dimethylaminopropyl) 

carbodiimide (Thermo Scientific), and 2-aminoethyl methacrylate (Sigma Aldrich) were 

subsequently dissolved in the molar ratio of 1.6: 1.6: 1, and the mixture was stirred for 19 

hours.
52,63

  The molar ratio between uronic acid residues in an alginate chain and 2-aminoethyl 

methacrylate was 4:1.  After the reaction, the mixture was dialyzed against deioninzed (DI) 

water for two days, exchanging for fresh DI water every twelve hours.  The dialyzed mixture 

was lyophilized, and the dried sample was reconstituted with DI water to 1 wt % solution. 

 

6.4.2 PPGmM-PEGmM-MA hydrogel formation  

Pre-gel solutions were prepared by mixing 10 wt % poly(propylene glycol) 

monomethacrylate (PPGmM, Mn ~ 375 g/mol, Sigma Aldrich), 10 wt % poly(ethylene glycol) 

monomethacrylate (PEGmM, Mn ~ 526 g/mol, Sigma Aldrich), and 1 wt % MA in various mass 

ratios (Table 1).  30 μL of 1 M ammonium persulfate (Sigma Aldrich) and 5 μL of N,N,N’,N’-

tetramethylethylenediamine (Fluka) were added to 1.0 ml of each pre-gel solution and mixed 

thoroughly.  Then, 200 µL of a pre-gel solution was quickly added to a well in 24-well plate.  

The plate was placed on a rotating shaker (50 rpm) for 10 minutes to form the hydrogel.  The 

pore diameters (ξ) of the resulting nanoporous hydrogels were determined from the following 

equation.
55,74
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where υ2s is the polymer volume fraction of a swollen hydrogel which is equivalent to the inverse 

of swelling ratio.  The swelling ratio was measured after incubating the gel in phosphate 

buffered saline (pH 7.4) at 37 °C for 24 hours.  l is the average bond length of a polymer 

backbone (1.46 Å  for PEGmM
146

, 1.48 Å  for PPGmM, 5.15 Å  for alginate
147

), Mr is the 

molecular mass of the repeating unit (44 g mol
-1

 for PEGmM, 58 g mol
-1

 for PPGmM, 175 g 

mol
-1

 for alginate), CM  is the number average molecular weight between cross-links (263 g 

mol
-1

 for PEGmM, 187.5 g mol
-1

 for PPGmM, 125,000 g mol
-1

 for alginate).
74

  Cn is the 

characteristic ratio of a polymer (4 for PEGmM
146

, 5.05 for PPGmM
148

, 19.4 for alginate
149

).   

To introduce micro-sized pores into the hydrogel, the hydrogel was frozen at -20 °C and 

subsequently lyophilized until the solvent was completely sublimated.
128-130

  The volume of the 

hydrogel expanded during lyophilization was not changed after rehydration, indicating the 

expanded pores remain unchanged.  The diameter of these pores was quantified with 

microscopic images captured with a scanning electron microscope (SEM, JEOL-6060LV).  The 

diameters of ten randomly chosen pores from each hydrogel were measured.  Three hydrogels 

were examined for each condition.   

 

6.4.3 Measurement of charge density 

The charge density of a hydrogel was calculated from the amount of free carboxylic groups 

in MA, which was measured using titration.
53

  Briefly, 300 μL of 1 wt % MA was diluted with 

DI water to 5 mL.  The solution was titrated by adding 10 mM NaOH and measuring the 
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change in pH.  pH was recorded 20 minutes after each addition of NaOH to ensure complete 

reaction between carboxylate and NaOH (marked by no change in pH).  The titration curve was 

obtained from this experiment, and the amount of charge in MA, with a unit of C mol
-1

, was 

calculated from the amount of NaOH required to reach the equivalence point.  The amount of 

charge per mole of MA was further multiplied with the density of MA (in mol m
-3

) in a hydrogel 

to calculate the charge density with a unit of C m
-3

. 

 

6.4.4 Characterization of water diffusivity of a hydrogel  

Hydrogels with different compositions were incubated in DI water, and the amount of water 

diffused into each hydrogel was measured.  Briefly, for each gel, the amount of absorbed water 

(Wt) at various time points, and the amount of water at equilibrium (W∞) (marked by no change 

in weight) were measured.  Wt / W∞ was plotted as a function of time (t), and the diffusivity (D) 

was calculated using the following equation for Wt / W∞ ≤ 0.8,
150,151
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where L is the thickness of the hydrogel.  For each condition, the experiment was done in 

triplicate and averaged.  

 

6.4.5 Mineralization  

The nanoporous hydrogels and microporous hydrogels were incubated in modified 

simulating body fluid (mSBF) at 37 ºC for one week.  The buffer was changed on a daily basis 
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to supply a sufficient amount of ions.  The mSBF contained 141 mM NaCl, 4.0 mM KCl, 0.5 

mM MgSO4, 1.0 mM MgCl2, 4.2 mM NaHCO3, 5 mM CaCl2, and 2.0 mM KH2PO4.  The pH of 

mSBF was adjusted to pH 7.4 by adding Tris-HCl buffer (pH 8).
15

  After mineralization, the 

hydrogels were washed for one hour with DI water three times to remove mSBF inside the 

hydrogels. 

 

6.4.6 Characterization of mineralized hydrogels 

The amounts of Ca
2+

 and PO4
3-

 in the hydrogel were quantified with QuantiChrom
TM

 

Calcium Assay Kit and Malachite Green Phosphate Assay Kit (BioAssay Systems), 

respectively.
152

  Briefly, a mineralized hydrogel was lyophilized, followed by incubation in 5 M 

sulfuric acid solution for twelve hours to dissolve minerals.
15

  The amount of each ion was 

determined using the appropriate assay kit following the manufacturer’s instructions.  The 

hydrogels were subjected to compression with a mechanical testing system (MTS Insight) before 

and after mineralization to measure mechanical stiffness.  Each hydrogel was compressed at a 

rate of 2 mm min
-1

 and the elastic modulus was calculated from the slope of stress vs. strain 

curve at the first 10 % strain.
83,84

  The experiment for each condition was done in triplicate and 

averaged. 

The tendency to form apatite in a hydrogel was quantified by calculating the supersaturation 

with respect to the apatite from the quantitative analysis of Ca
2+

 and PO4
3-

 described above.  

rel

Ca P  , the relative supersaturation with respect to apatite, was calculated using the following 

equation, 



 

 

136 

 

 

1

2 10 3 6 16
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Ca P Ca PO  

   (13) 

where (Ca
2+

) and (PO4
3-

) are the concentrations of calcium and phosphate ions, respectively.  

The equation was modified to represent only calcium and phosphate, since the concentration of 

OH
-
 and the solubility product constant for apatite were not determined in this study.

139
  The 

normalized rel

Ca P   
was obtained by dividing the values by the highest rel

Ca P 
 value, which was 

obtained in the microporous hydrogel with ΦPPGmM of 0.72 and ΦMA of 0.04. 

 

6.4.7 Morphological analysis of mineralized hydrogels 

Following the mineralization, the hydrogels of all conditions were washed with DI water, and 

subsequently lyophilized. The morphology and elemental composition of minerals formed within 

the hydrogels were analyzed with SEM and an energy-dispersive X-ray spectroscopy (EDX) 

module attached to the SEM (LinkISIS, Oxford), respectively.  Then, each sample was 

fractured and its cross-section was analyzed with the SEM under high vacuum. 

  

6.4.8 X-ray diffraction (XRD) and Fourier-transform infrared (FT-IR) spectroscopic analyses 

of mineralized hydrogels  

The minerals formed within the hydrogels were further characterized with XRD and FT-IR 

spectroscopic methods.  For XRD analysis, each lyophilized hydrogel was mounted flat on a 

glass sample holder.  The XRD spectrum was obtained using Rigaku D/Max-b (Rigaku 

Americas) with 2θ angles from 20° to 40° at a scan rate of 1.5 ° min
-1

.  For FT-IR analysis, each 

lyophilized hydrogel was mechanically ground and made into a pellet with potassium bromide 
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powder.  The FT-IR transmittance spectrum in a wavelength region from 600 to 2000 cm
-1

 was 

acquired using a FT-IR spectrometer (Spectrum BX, Perkin Elmer). 

  

6.4.9 Analysis of cell viability in mineralized hydrogels 

Mesenchymal stem cells derived from porcine adipose tissue (ADSCs) were a kind gift from 

Prof. Lawrence Schook (Department of Animal Sciences, University of Illinois).  The isolation, 

characterization, and expansion procedures are provided elsewhere.
153

  ADSCs before passage 

4 were used in this experiment.  The mineralized hydrogel disks (5 mm diameter, 1 mm 

thickness) were washed in ethanol for one hour for sterilization.  Next, the hydrogels were 

rehydrated in deionized water and then lyophilized.  5 × 10
3
 ADSCs suspended in 30 μL of 

culture medium (Dulbecco’s Modified Eagle Medium supplemented with 10 % fetal bovine 

serum and 1% penicillin/streptomycin, all purchased from Gibco) were placed on top of a 

lyophilized hydrogel, allowing the mixture to be soaked into the dried gel mesh.  Then, the 

hydrogel was immersed in culture medium and incubated at 37 °C with 5 % CO2.  The viability 

of cells in the hydrogel was measured using MTT Cell Proliferation Assay kit (ATCC) after 3 

days.  Briefly, the cell laden hydrogel was incubated in culture media containing MTT, 3-(4,5-

dimethylthiazol-2-yl)-2,5-diphenyltetrazolium bromide, which is enzymatically metabolized by 

living cells into dark purple MTT formazan.  After 4 hours of incubation, MTT detergent was 

added to stop the process and dissolve the product.  The hydrogel was removed and the 

absorbance of the medium at 570 nm was measured using a spectrophotometer (Synergy HT, 

BioTek).  The experiment for each condition was done in triplicate and averaged.  As a 

negative control for each condition, a hydrogel without encapsulated cells was assayed.   
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6.5 Figures & Tables 

 

 

Figure 6.1 Poly(propylene glycol) monomethacylate (PPGmM) and poly(ethylene glycol) 

monomethacrylate (PEGmM) were chemically cross-linked to form hydrogels, with MA acting 

as a cross-linker. The ratio of PPGmM and PEGmM were varied to modulate hydrophobicity, 

while the amount of MA was varied to control the charge density.  The resulting hydrogels 

(nanoporous hydrogels) and those lyophilized to present micro-sized pores (microporous 

hydrogels) were incubated in modified simulating body fluid (mSBF) to induce mineralization. 
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Table 6.1 Composition of hydrogels varied with the mass fraction of methacrylic alginate (MA) 

(ΦMA) (a) and the mass fraction of poly(propylene glycrol) monomethacrylate (PPGmM) 

(ΦPPGmM) (b).  Lyophilization increased the hydrogel pore diameter scale from nanometers (ξnano) 

to micrometers (ξmicro).  In (a), the ratio of ΦPPGmM and ΦPEGmM was kept constant while 

increasing ΦMA from 0.007 to 0.04, which increased the charge density (Cgel) from 0.7 to 1.6 (× 

10
-6 

C m
-3

).  In (b), ΦMA was kept constant at 0.04 (Cgel of 1.6 × 10
-6

 C m
-3

) while increasing 

ΦPPGmM from 0 to 0.72.  Water diffusivity of the microporous hydrogel (Dmicro) was decreased 

with ΦPPGmM, specifically for microporous hydrogels.  Introducing micro-sized pores into 

nanoporous hydrogels significantly increased water diffusivity of the gel matrix. 

(a) 

PPGmM PEGmM 
MA

 
Cgel 

(×10
-6 

C m
-3

) 

ξ nano 

(nm) 

ξ micro 

(μm) 

E0 

(kPa) 

0.4965 0.4965 0.007 0.7 11.3 ± 0.7 32.4 ± 4.3 < 1* 

0.493 0.493 0.014 1.0 14.7 ± 0.9 28.5 ± 6.2 < 1* 

0.486 0.486 0.028 1.3 18.1 ± 1.1 25.4 ± 4.3 2.0 ± 1.2 

0.48 0.48 0.04 1.6 21.5 ± 1.3 27.4 ± 7.4 2.4 ± 0.9 

* Below detection limit 

 

(b) 


PPGmM

 
PEGmM

 
MA

 
D

nano 

(×10
-9 

m
2

h
-1

)
 

D
micro

 

(×10
-9 

m
2

h
-1

) 

ξ nano 

(nm) 

ξ micro 

(μm) 

E0 

(kPa) 

0 0.96 0.04 3.5 ± 5 36 ± 6 23.4 ± 5.2 30.6 ± 4.6 3.5 ± 1.2 

0.24 0.72 0.04 4.7 ± 4 23 ± 1.5 22.4 ± 3.8 25.4 ± 5.2 3.4 ± 1.4 

0.48 0.48 0.04 7.5 ± 3 12 ± 5 21.5 ± 1.3 27.4 ± 7.4 2.4 ± 0.9 

0.72 0.24 0.04 0.9 ± 3 4.6 ± 6 17.4 ± 5.2 24.5 ± 5.3 2.6 ± 0.3 
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Figure 6.2 Concentrations of calcium () and phosphate () in the hydrogels increased with 

ΦMA for both nanoporous (a) and microporous (b) hydrogels.  The ratio of ΦPPGmM and ΦPEGmM 

was kept constant.  Calcium and phosphate concentrations in (a) and (b) were normalized with 

those for the hydrogel formed at the highest ΦMA at 0.04. (*p<0.05)   
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Figure 6.3 (a) Incubating hydrogels consisting of PEGmM, PPGmM, and MA in mSBF 

increased the opaqueness depending on the ΦPPGmM.  (b) Incubation of hydrogels in the mSBF 

also increased the elastic modulus (E) of the hydrogel matrices, and the degree of increase in the 

elastic modulus became significant with ΦPPGmM for both nanoporous () and microporous () 

hydrogel.  The degree of increase in E was quantified by normalizing E of the gel matrix 

measured after incubation in mSBF with the initial E measured prior to the incubation. (*p<0.05) 
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Figure 6.4 Increasing ΦPPGmM of the nanoporous hydrogel (a) and the microporous hydrogel (b) 

at the constant ΦMA of 0.04 resulted in the increase of the phosphate concentration (), but it 

made minimal change in the calcium concentration ().  The calcium and phosphate 

concentrations of the microporous hydrogel were further related to the diffusivity (Dmicro) of the 

hydrogel (c).  Calcium and phosphate concentrations in (a) and (b) were normalized with those 

for the hydrogel formed at the highest ΦPPGmM (at 0.72).   
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Figure 6.5 Normalized relative supersaturation with respect to apatite,
rel

Ca P  , for the nanoporous 

() and microporous () hydrogels increased with ΦMA at a constant ratio of ΦPPGmM and 

ΦPEGmM (a) or with ΦPPGmM at a constant ΦMA of 0.04 (b). 
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Figure 6.6 Scanning electron microscopic (SEM) images of mineralized hydrogels. The 

microporous hydrogel at the highest ΦPPGmM of 0.72 presented extensive deposition of spherulitic 

minerals (a), whereas there were fewer spherulitic minerals at the lowest ΦPPGmM of 0 (b).  The 

inset in (a) shows the magnified view of spherulitic mineral particles.  In contrast, the 

nanoporous hydrogels at the highest ΦPPGmM of 0.72 presented extensive deposition of 

rhombohedral minerals (c), whereas the hydrogel with the lowest ΦPPGmM of 0 presented fewer 

rhombohedral minerals (d).  The inset in (c) shows the magnified view of rhombohedral 

mineral particles. 
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Figure 6.7 Energy-dispersive X-ray (EDX) analysis of spherulitic minerals (a) and 

rhombohedral minerals (b). Spherulitic minerals show the presence of calcium and phosphate 

with a Ca/P ratio of 1.7, indicative of apatite. Rhombohedral minerals did not show phosphorous 

peaks.  X-ray diffraction (XRD) spectra for microporous (c) and nanoporous (d) hydrogels. 

Spectrum A represents the mineralized hydrogel at the highest ΦPPGmM of 0.72, whereas 

spectrum B represents the mineralized hydrogel at the lowest ΦPPGmM of 0.  The peak 

representing apatite, at 32°, is denoted with *.  The peak representing calcite, at 29°, is denoted 

with ^.   
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Figure 6.8 Representative Fourier-transform infrared (FT-IR) spectrum of a mineralized 

microporous hydrogel with PPGmM of 0.72.  The spectrum displays the characteristic peaks for 

apatite (denoted with *).   Furthermore, the peaks associated with the carbonate substitution of 

apatite (denoted with ^) were also shown.  Peaks associated with calcite (denoted with #) are 

also detected.  
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Figure 6.9 (a) The viability of mesenchymal stem cells incorporated into microporous hydrogels 

were determined by MTT assay, in which viable cells are stained purple by MTT (arrow).  (b) 

The fraction of viable cells was higher in the mineralized hydrogel containing the higher ΦPPGmM.  

The viability was measured 3 days after the cells were loaded into the hydrogels. (*p<0.05)  
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Chapter 7  Conclusion and Future Works 

 

7.1 Conclusion 

   In this research, hydrogel system which allows independent control of stiffness from 

permeability was developed for its applications in 3D cell culture and cell transplantation therapy.  

The hydrogel system was created by the assembly of three modules that serve individual and 

distinctive roles, and eventually contribute to the overall hydrogel properties. 

First, presenting hydrophilic pendant chains into a hydrogel system allowed control of 

hydrogel stiffness over a broad range, while limiting the change in permeability.  Decreasing 

cross-linking density of hydrogel system resulted in decreasing hydrogel stiffness, but the 

decrease in permeability could be effectively minimized by increasing the number of hydrophilic 

pendant chains which acted as a barrier against diffusion.  Viability and growth factor 

expression of cells encapsulated in the hydrogels with varying stiffness were dependent on the 

hydrogel stiffness, as they showed biphasic dependency on the stiffness.  On the other hand, in 

a conventional hydrogel system in which stiffness and permeability are inversely coupled, the 

cell phenotypes were subject to both stiffness and permeability.  

Second, methacrylic alginate (MA) was synthesized by conjugating methacrylic functional 

groups onto alginate.  MA could be incorporated into a hydrogel system by co-polymerization 

with other gel-forming molecules.  MA improved the mechanical stiffness of the hydrogel while 

limiting the change in permeability, due to the stiff molecular structure of alginate contributing to 

the overall hydrogel stiffness, and multiple hydrophilic functional groups promoting diffusion of 

surrounding fluid.  Extended molecular structure of alginate further prevented swelling by 
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polymeric chain relaxation for hydrogels with lower cross-linking density.  The presence of 

alginate also improved the viability of encapsulated cells, likely from the ability of alginate to 

prolong the presence of bioactive molecules within the hydrogel system.   

Third, multivalent polymeric protein linker was created by nucleophilic addition of 

polysuccinimide (PSI).  PSI, which consists of a series of succinimidyl ring moieties, allows 

nucleophilic addition of amine-based molecules to form polyaspartamide.  Here, amine-based 

nucleophile containing functional groups reactive to a desired material was conjugated to PSI to 

form polyaspartamide linker.  A portion of unreacted succinimidyl groups of the 

polyaspartamide linker would allow conjugation of protein molecules which also contain amine 

groups.  The polyaspartamide linkers have two major advantages over conventional small 

molecule linkers: multivalency of reactive groups towards both protein and material, and 

versatility.  

The three modules described above were assembled into the overall hydrogel system, and 

their properties and unique advantages synergistically contributed to the hydrogel structure 

which allows control of stiffness decoupled from permeability and also presents bioactive 

molecules to derive desired cell behaviors.  Incorporating methacrylic alginate into hydrogels 

with varying fraction of polymeric pendant chains allowed the control of hydrogel stiffness in the 

same range at much lower total polymer concentration, while limiting the change in permeability.  

Modulations of degree of methacrylic substitution and concentration of methacrylic alginate 

further controlled the range of hydrogel stiffness, while the ability of pendant polymeric chains 

to decouple the stiffness from permeability was well retained.  Polyaspartamide linker was used 

to conjugate a cell-responsive bioactive protein into the hydrogel system by co-polymerization to 
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induce desired cell behavior, without affecting the mechanical properties.  Mesenchymal stem 

cells were encapsulated into the hydrogels, and it was determined that their cellular phenotypes, 

viability and growth factor expression, were shown to have biphasic dependence on the hydrogel 

stiffness.    

Additionally, physical properties of hydrogels, hydrophobicity/hydophilicity, porosity and 

charge density, in order to control biomineralization within the hydrogels for applications in bone 

tissue engineering.  Hydrophobicity/hydrophilicity was modulated by varying the ratio of 

hydrophilic poly(ethylene glycol) (PEG) and hydrophobic poly(propylene glycol) (PPG).  

Porosity of hydrogel was expanded from nanometer to micrometer scale by lyophilization.  

Charge density was modulated by varying the amount of methacrylic alginate which contains 

negatively charged carboxylate.  Increasing hydrophobicity, charge density and introducing 

micrometer-sized pores promoted the formation of carbonated hydroxyapatite which is the major 

type of mineral found in bone.   
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7.2 Future Works 

This research has been focused on creating polymer systems used to fabricate hydrogels, with 

the properties that allow the control of stiffness while limiting permeability, and link cell-

responsive protein into a hydrogel system independently without affecting the mechanical 

properties.  Although the results of this research demonstrate the novelty, functionality, and 

applicability of the hydrogel system in studying the effects of hydrogel properties on cell 

functions in three dimensions, I suggest these results should be further validated and 

strengthened by additional biological studies. 

   First, exploring various cell types would provide further insights into the effects of hydrogel 

properties on cell functions.  For example, the different cell types may behave differently in 

response to the same hydrogel properties.  Alternatively, the same cell types that are derived 

from different sources may also behave differently to hydrogel properties as well.  Providing 

different cell-responsive proteins into the hydrogels may also mediate various cellular responses. 

   Second, although VEGF expression was determined in this research, expressions of other 

growth factors and cytokines by encapsulated cells should be thoroughly examined to evaluate 

the therapeutic efficacy of the cells.  Mesenchymal stem cells are well known to constitutively 

express a wide variety of growth factors and cytokines, thus rendering their therapeutic effects.  

Depending on the applications, it is necessary to focus on different types of soluble factors.  

Thus, exploring the effects of hydrogel mechanical properties on these soluble factors would 

provide a more complete evaluation of the cells’ therapeutic potentials within the hydrogel 

system. 

   Third, it would be interesting to compare the cell phenotypes obtained from 3D cell culture in 
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the hydrogel system with those obtained on 2D hydrogel surface.  Conventionally, much of the 

biological studies have been conducted by culturing cells on surface, although the cells are 

surrounded within 3D matrices.  Thus comparison study between cells cultured on hydrogel 

surface (2D) and within hydrogel (3D) at the same range of hydrogel stiffness would reveal the 

differential effects of stiffness on cells at different dimensions.   

   Finally, proteomic analyses of protein expressions related to the intracellular signaling 

pathways and cellular phenotypes such as viability, proliferation and expressions of soluble 

factors would provide deeper fundamental understanding of the role of matrix properties in 

tuning cellular activities.  Identification of the factors responsible for controlling the phenotypes 

would open up the possibility of further manipulation of cells to maximize their therapeutic 

potentials. 
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