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Abstract
Polyampholyte polymers are being investigated for biomedical applications such as drug
delivery and tissue engineering. These polymers are composed of equimolar positively and
negatively charged monomers and they possess nonfouling properties that reduce the risk of a foreign
body response. Nonfouling combined with tunable mechanical and drug release properties make them

very suitable for many applications in the biomedical field.

In this work, the mechanical and degradation properties are characterized as a function of
cross-linker species. Specifically, we evaluated the influence that the number of ethylene glycol
repeat units has on the overall material performance by synthesizing and evaluating hydrogels
containing di-, tri-, and tetra-ethylene glycol dimethacrylate cross-linker species. The degradation
studies were conducted for over 100 days in Sorenson’s buffer with pH values of 4.5, 7.4, and 9.0 by
tracking the swelling behavior and weight change over time. The mechanical properties were

evaluated using compression and tensile testing to failure.

Additionally, a piezoelectric droplet on demand generator was designed and constructed to
produce polyampholyte microspheres for drug delivery. The microspheres were composed of a 1:1
molar ratio of [2-(acryloyloxy)ethyl] trimethylammonium chloride (TMA, positively charged) and 2-
carboxyethyl acrylate (CAA, negatively charged) monomers cross-linked with TEGDMA.
Polymerization was initiated using LAP photoinitiator upon droplet ejection. This study evaluated the
viability of using these microspheres for releasing vitamin D3 and metanil yellow into biological

media. The size and nonfouling properties were also investigated.

In these studies, we found that the cross-linker chain length does influence the mechanical
properties and degradation behavior. Droplet generation of nonfouling polyampholyte microspheres
was successful; however, there was no success with long-term drug release of vitamin D3 or metanil
yellow. Polyampholytes still show promise for use in biomedical applications, though the droplet

generator would need some modifications to use these microspheres for drug delivery.
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Chapter 1: Introduction

Polymeric materials are being looked at for a number of biomedical applications, including
tissue engineering and drug delivery. In the biomedical field, there is a need for engineered scaffold
materials that can improve and facilitate wound healing in severely damaged tissues. These scaffolds
must have several important properties to ensure successful tissue recovery. First, the biomaterial
must be nonfouling, or resistant to nonspecific protein adsorption. It is hypothesized this feature will
minimize any foreign body response, preventing connective tissue from becoming inflamed and
scarred [1, 2]. Inflammation and scarring leads to encapsulation of the implanted biomaterial,
preventing the biomaterial from fully integrating and maintaining functionality [3, 4]. Second, the
biomaterial must also facilitate cell adhesion, migration, and remodeling to promote tissue
regeneration [5]. To do this, the material must present biochemical cues specific to the target tissue.
Third, the scaffold material should be biodegradable and not break down into components that are
toxic or harmful to the surrounding cells and tissues [6, 7]. Ideally, the material will break down at the
same rate at which tissue is reforming to prevent defects in the regenerating tissue [1, 8]. Finally, an
implant must have mechanical properties similar to the tissue it will be integrated with, to allow for
faster return to functionality [6, 7, 9]. Mechanical properties also impact the differentiation of seeded

or recruited stem cells, which is important for the regeneration of the intended tissue [10, 11].

These characteristics are also important for drug delivery vehicles for many of the same
reasons. Tailorable physical properties are also very important in order to achieve controlled release
rates based on pore size, swelling properties, and degradation rate [1, 12]. There is a need for drug
delivery systems with controlled release rates for better efficiency and for the ease of the patient [13].
Extended release reduces the dosing frequency, extends the therapeutic level of drug concentration,

and reduces risk of potential toxic concentrations of the drug during release [12-16].

There have been many approaches to develop engineered biomaterials to fulfill these criteria,
but it has been difficult to design something that incorporates all of these properties. Hydrogels are
the standard for tissue engineering because of their high water content and general biocompatibility
[1, 17, 18]. They also have tunable properties and the ability to be synthesized on a larger scale [1, 5].
Some common chemistries that have been explored for tissue engineering include poly(lactic acid)
(PLA), poly(hydroxyethyl methacrylate) (PHEMA), and poly(caprolactone) (PCL) [1, 19]. PLA is
biologically inert and has high degradability [18, 20]. However, this material still invokes an
inflammatory response, as it is not nonfouling [20, 21]. Additionally, its degradation rate is relatively
slow [21]. PHEMA has been used in tissue engineering for decades because it is biocompatible and

has some ability to reduce nonspecific protein adsorption [19]. Since this material is only low fouling,



it still causes inflammation when implanted. While PCL is biodegradable and inexpensive, it is

hydrophobic and has poor cytocompatibility [22, 23].

Another common material is polyethylene glycol (PEG), which is resistant to nonspecific
protein adsorption leading to its widespread use in biomedical systems. PEG based materials are
known to oxidize in vivo [24]. This ultimately leads to protein adsorption and cell attachment as it
breaks down into acids and aldehydes [24]. It has also been reported that humans have developed

antibodies to PEG, suggesting there is a need to find alternative biomaterials [25, 26].

Zwitterionic materials have recently become of interest for biomedical applications because
they have shown great antifouling properties when compared to other nonfouling materials such as
PEG [27, 28]. These neutral systems are composed of mixed charged functional groups throughout
the polymer. As a result, they are extremely hydrophilic due to the large number of charged regions
[25]. The most widely studied zwitterionic materials are polycarboxybetaine (pCB), polysulfobetaine,
and polyphosphorylcholine [25, 27]. pCB-based materials in particular, have gained a lot of attention
because of their superior antifouling properties, biocompatibility, and functionalization capabilities
[25, 27, 29]. Functionalization allows for the covalent attachment of biomolecules and pCB is highly
functionalizable due to its many carboxyl groups [29, 30]. However, one limitation of zwitterionic
polymers is that their physical properties are dependent on the underlying monomer, making their

physical properties less tunable than other materials [31].

One family of materials that presents many of the desired properties for tissue engineering
and drug delivery are polyampholyte hydrogels, which are a subclass of zwitterionic polymers. They
are being considered for tissue engineering and drug delivery applications due to their unique
characteristics including nonfouling properties, ability to deliver biomolecules to the body, and
tunable mechanical properties [32, 33]. Polyampholyte hydrogels are composed of mixtures of
positively and negatively charged monomer subunits, resulting in an overall neutral charge [34]. The
nonfouling properties are likely derived from the formation of a strong hydration layer [33, 35-37].
Polyampholyte hydrogels have tunable mechanical properties depending on both the underlying of
monomer composition and the cross-linker density [33, 36]. It is hypothesized that the tunable
mechanical and physical properties of these polyampholyte hydrogels make them a suitable platform
for biomedical applications. This hypothesis was tested in two separate studies, one looking at how
cross-linker chain length effects the mechanical properties and degradation behavior. The second,
developing polyampholyte microspheres for drug delivery using a droplet on demand generator. Each

of these studies are discussed in further detail in Chapters 2 and 3, respectively.



Chapter 2: Impacts of Cross-Linker Chain Length on the Physical
Properties of Polyampholyte Hydrogels

Introduction

Polymeric tissue engineering scaffolds have shown promise to aid in regeneration and repair
of damaged tissue. In particular, nonfouling polymers have been proposed for eliminating
biomaterial-induced concerns such as infection, scarring, and rejection by the immune system.
Polyampholyte polymers are one class of nonfouling polymers that are composed of an equimolar
mixture of positively and negatively charged monomer subunits. They possess nonfouling properties,
bioactive molecule conjugation, and tunable mechanical properties [33]. While several beneficial
features of polyampholytes have been demonstrated, their degradation behaviors are relatively
unknown. Understanding the degradation behavior will provide insight into the in vivo behavior of
these materials, allowing for targeted applications in tissue engineering. Additionally, mechanically

testing has not been performed with different cross-linkers for these TMA/CAA hydrogels.

It was hypothesized that different ethylene glycol chain lengths will lead to variation in the
physical and mechanical properties, without impacting the multifunctional nonfouling capability.
Therefore, the goal of this investigation is to characterize the degradation and physical properties of
polyampholytes with different ethylene glycol cross-linkers. The polyampholytes used in this study
contained equimolar amounts of cationic [2-(acryloyloxy)ethyl] trimethylammonium chloride (TMA)
and anionic 2-carboxyethyl acrylate (CAA) monomers, which are shown in Figure 2-1. Hydrogels
were synthesized with one of three chemical cross-linkers, di-, tri-, or tetra-ethylene glycol
dimethacrylate (DEGDMA, TEGDMA, and Tetra-EGDMA), also shown in Figure 2-1, to study how
the cross-linker chain length impacts the properties of polyampholyte hydrogels. The conjugation
capabilities and nonfouling were validated using fluorescently labeled bovine serum albumin (FITC-
BSA) and microscopy to verify the key multifunctional capabilities were not affected by cross-linker
chain length. The compressive and tensile properties were quantified, and the degradation behavior as
a function of pH was determined. The degradation studies were conducted for over 100 days in
Sorenson’s buffer with pH values of 4.5, 7.4, and 9.0 by tracking the swelling behavior and weight
change over time. The mechanical properties were assessed using compression and tensile testing to
failure. The results demonstrate the tunability of both the degradation behavior and mechanical
properties through the cross-linker selection, without impacting the underlying nonfouling and
biomolecule delivery capabilities. Therefore, it is concluded that polyampholyte hydrogels represent a

promising tunable platform for tissue engineering.
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Figure 2-1 Chemical structures of the monomers and cross-linkers used in this study.



Methods and Materials

Materials

Ethylene glycol, phosphate-buffered saline (PBS, pH 7.4), fluorescein isothiocyanate bovine
serum albumin (FITC-BSA), TMA, CAA, TEGDMA, DEGDMA, Tetra-EGDMA, sodium
hydroxide, ammonium persulfate (APS), sodium metabisulfate (SMS), N-(3-dimethylaminopropyl)-
N'-ethylcarbodiimide hydrochloride (EDC), and N-hydroxysuccinimide (NHS) were purchased from
Sigma-Aldrich. Potassium phosphate monobasic and sodium phosphate dibasic, anhydrous were
purchased from VWR. Ethanol was purchased from Greenfield Global. All chemicals were used as

received.

Hydrogel Synthesis

Hydrogels were synthesized using equimolar concentrations of TMA and CAA using
procedures described previously [33]. In short, 2 mL of a buffer solution containing 3 M NaOH,
ethanol, and ethylene glycol in a 1.5:1:1.5 volume ratio was mixed with 4 mmol of TMA and CAA
each and mixed thoroughly. One of the three cross-linkers was added in with monomer to cross-linker
ratios of 26.3:1 (1X), 13.2:1 (2X), or 6.6:1 (4X). The reaction was initiated by adding 32 pL of 40%
w/w APS and 32 pL of 15% w/w SMS and the solution was then transferred into a
polytetrafluoroethylene (PTFE) mold. The hydrogels polymerized at room temperature for 24 hours.
With the exception of degradation, all hydrogels were then soaked for 24 hours in PBS and used in

subsequent studies.

Nonfouling and Protein Conjugation

For nonfouling and conjugation testing, hydrogels were synthesized in a flat plate mold
formed from two microscope slides clamped around a 1/8” PTFE spacer. Following synthesis, the
hydrogels were soaked in PBS for 24 hours and then they were punched with a Smm biopsy punch
[33]. Conjugation and control samples were first soaked in a solution of 0.05 M NHS and 0.2 M EDC
for 7 minutes, while the nonfouling samples were soaked in neutral PBS. The nonfouling and
conjugation samples were then exposed to 10 pL of 1 mg/mL FITC-BSA in PBS for 15 minutes,
while the control samples were soaked in neutral PBS. Finally, all samples were soaked in 1 mL of
NaCl-PBS with a pH of 9.0 for 30 minutes, followed by 1 mL neutral PBS for 40 minutes.
Nonfouling and conjugation were evaluated by comparing the fluorescence of these samples to the
control sample using an inverted fluorescent Nikon microscope with a 4X objective. Images were

captured using NIS Elements imaging software.



Compression Testing

For compression testing, hydrogels were synthesized in a cylindrical PTFE mold with a 5/8”
inner diameter. Compression samples were made by tripling the above procedures. After the samples
soaked for 24 hours in PBS, they were cut using a razor and mold to obtain 10 mm tall hydrogel
cylinders. Compression tests were conducted using an Instron equipped with a 100 kN load cell.
Samples were compressed until they shattered at a rate of 0.1 mm/s. The maximum stress and strain
were obtained from the force displacement curve and the Young’s modulus was taken from the linear

region (75-85% of the maximum strain) of the stress-strain curve.

Tensile Testing

For tensile testing, hydrogels were synthesized in a PTFE dog-bone shaped mold. Tensile
testing was conducted using a custom tensile load frame and a 150 g load cell [38]. Samples were
stretched at a rate of 0.1 mm/s until fractured. The maximum stress and strain were obtained from the
force displacement curve and the Young’s modulus was taken from the linear region (50-100% of the

maximum strain) and toe region (0-0.1 strain values) of the stress-strain curve.

Degradation Studies

For degradation testing, hydrogels were synthesized in the flat plate mold described above.
After polymerizing for 24 hours, samples were immediately cut into 1 cm squares and placed in
individual 50 mL centrifuge tubes containing Sorenson’s buffer. Sorenson’s buffer with pH values
4.5, 7.4, and 9.0 were used to induce degradation under different conditions. Degradations studies
were conducted over a period of 113 days with 1X cross-linker density hydrogels. At each
measurement time point, the samples were removed from the buffer and characterized before being
placed in fresh buffer. Wet weight was measured using a scale and swelling measurements were taken

using calipers.

Data Analysis

All results are presented as the average + standard deviation from the evaluation of three
samples replicated three independent times (n=9). Statistical significance was evaluated using a one-
way analysis of variance (ANOVA) at a 95% confidence interval (p < 0.05) using OriginPro 2017
(OriginLab Corporation, MA).



Results

Nonfouling and Protein Conjugation

Polyampholyte hydrogels are of interest for tissue engineering applications because of their
demonstrated multifunctionality [33]. Therefore, it was important to verify that the additional cross-
linker species investigated in this study did not impact their previously demonstrated nonfouling and
conjugation capabilities. Non-specific adsorption of FITC-BSA was used to verify the nonfouling
properties using fluorescent microscopy. Figures 2-2 a-c show representative images of TMA:CAA
hydrogels following exposure to FITC-BSA and control hydrogels that have not been exposed to any
protein. There are minimal to no differences in the fluorescence between these samples. Therefore,
the results suggest that the nonfouling properties are not impacted by the different cross-linker
species. The protein conjugation capabilities were also verified with FITC-BSA and fluorescent
microscopy. The results can be seen in Figures 2-2 d-f. These images show hydrogels with conjugated
FITC-BSA adjacent to control samples. FITC-BSA conjugated samples showed bright fluorescence
compared to the unexposed control group, indicating that the FITC-BSA is successfully conjugated to
the hydrogels, again demonstrating that the known conjugation capabilities are not impacted by the

variation in cross-linker species.

Figure 2-2 Representative fluorescent microscopy images of FITC-BSA a, b, ¢) adsorption and d, e, f)
conjugation to TMA:CAA hydrogels with 1X cross-linker densities of a, d) DEGDMA, b, ¢) TEGDMA, and c,
f) Tetra-EGDMA cross-linkers. Control samples are included in the bottom right of each image and they were
not exposed to FITC-BSA.



Compressive Strength

The physical properties under compression were evaluated next, to identify impacts of the
cross-linker length and density. Figure 2-3 a-c shows representative stress-strain curves for 1X, 2X,
and 4X cross-linker density hydrogels with each cross-linker species, respectively. It can be seen that
decreasing the cross-linker chain length increases both stress and strain at failure. The quantitative
analysis of multiple samples, in Figure 2-3 d, show that increased cross-linker density improves the

stress at failure for all the cross-linker species, as expected [33].

The maximum stress at failure value across all samples was found for the 4X cross-linker
density DEGDMA hydrogels with an average stress of 863 + 137 kPa. This value was statistically
greater than the max stress at failure for both 4X cross-linker density TEGDMA and Tetra-EGDMA
samples. At the 1X cross-linker density, DEGDMA samples had the statistically lowest fracture
stress. DEGDMA samples also demonstrated the largest impact as cross-linker density was increased,
as they had the greatest max stress at a 4X cross-linker density. The only statistically significant
difference in the 2X cross-linker density samples was seen between the TEGDMA and Tetra-
EGDMA results, with TEGDMA samples having a higher stress at failure. The maximum strain at
failure results are shown in Figure 2-3 e. Only the Tetra-EGDMA samples showed significant
variation in the max strain at failure as a function of cross-linker density, with a statistically
significant drop between the 1X and 4X cross-linker density samples. Across all cross-linker
densities, DEGDMA samples presented the highest max strain at failure, with the greatest average
strain of 0.51 £ 0.04 for the 2X cross-linker density, but this value was not statistically significant
from the 1X and 4X DEGDMA density results. At the 4X cross-linker density there were statistically
significant differences between all of the cross-linker species. The results indicate that increasing
cross-linker chain length decreases the compressive strain at failure. Finally, the elastic moduli of the
various samples were evaluated, and these results are shown in Figure 2-3 f. For the most part, the
cross-linker species did not impact the elastic modulus under compression. The modulus increased
uniformly across the cross-linker species with increasing cross-linker density and the maximum

elastic modulus was seen for 4X density DEGDMA samples with a value of 3298 + 825 kPa.
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maximum stress at failure, €) maximum strain at failure, and f) elastic modulus taken from the linear region. A *
indicates a statistically significant difference at a 95% confidence interval (p < 0.05) between the samples
identified.
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Tensile Strength

The physical properties under tension were evaluated, again to identify the influence of the
cross-linker species and density. The tensile properties of this family of materials have not previously
been tested. Figure 2-4 a-c shows representative stress-strain curves for 1X, 2X, and 4X cross-linker
density hydrogels in tension, respectively. Each curve for the 4X cross-linker density presents a
different profile with a low strain transition region seen with the Tetra-EGDMA hydrogel curves
(~18% of total strain), no transition region with the TEGDMA hydrogels, and a mid strain transition
region in the DEGDMA hydrogel curves (~56% of the total strain). The TEGDMA hydrogel curves
have a nearly linear stress-strain curve at a 4X cross-linker density, while the 1X and 2X cross-linker
density curves have profiles similar to DEGDMA. The slope of Tetra-EGDMA stress-strain curve is
similar to that of TEGDMA after the inflection region, while the slope of the DEGDMA stress-strain

curve is similar to TEGDMA before its transition region.

The results in Figure 2-4 d indicate that the fracture stress at failure increases with increasing
cross-linker density, again as expected. However, in contrast to the compressive fracture behaviors,
Tetra-EGDMA demonstrates the highest values, reaching a maximum tensile fracture stress of 58.1 +
13.8 kPa for the 4X cross-linker density hydrogels. Tetra-EGDMA also has the largest change as the
cross-linker density is increased. Unlike the compression study, the fracture strain decreased with
increased cross-linker density. A much more significant change was seen for all three cross-linkers
species as the cross-linker concentration increased. As before, there was little significance between
the strain values as a function of cross-linker species, at a given cross-linker density, though
DEGDMA had a greater strain value under all conditions. Finally, Figure 2-4 f shows the average
elastic modulus for these samples under tension in both the toe region (solid) and linear region
(patterned). The elastic modulus was greater in the toe region than it was in the linear region and the
overall elastic modulus increases with increasing cross-linker density. As with the maximum stress
under tension data, the Tetra-EGDMA samples have the highest elastic modulus values and show the

largest dependence on cross-linker density.



11

a b
70 80 - .
« DEGDMA
» TEGDMA
00 Tetra-EGDMA
50 €0 4
= g
o
=3
%40 g 5
2 g 40 4
2304 5
Gi >
©
20 4 =
20 4
R /
0 T T T T T T T T 0
00 01 02 03 04 05 06 07 08 DEG | TEG | Tetra | DEG | TEG | Tetra | DEG | TEG
Strain
70 - € 12
= DEGDMA
o0 +« TEGDMA
Tetra-EGDMA 1.0
50 - E
= "E 08
€ £
1] c 08
830 =
] 7]
»
04
20 4 =
10 4 02
0 T T T T T T T T 0.0
00 01 02 03 04 05 06 07 08
Strain
C
70 d
.
0 -

8
a

=
o
= =3
T 200 4
£ 2
St =3
8 3 7
2 = 0
o 2 20+ 7
* DEGDMA 100 %
+ TEGDMA %
TetraEGDMA 7
_
T T T T T T 0 =
0.0 0.1 0.2 03 0.4 05 06 0.7 08

Strain [ [ [ |

Figure 2-4 Tensile properties of hydrogels with different cross-linker species and densities. a, b, and ¢)
Representative stress-strain curves for 1X, 2X, and 4X cross-linker density hydrogels, respectively, d)
maximum stress at failure, e) maximum strain at failure, and f) elastic modulus taken from the toe (solid) and
linear (patterned) regions. A * indicates a statistically significant difference between the samples identified at a
95% confidence interval (p < 0.05). For the modulus, a *, ** and *** indicates a statistically significant
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samples, and the DEGDMA and Tetra-EGDMA samples, respectively, all at a 95% confidence interval (p <
0.05).
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The magnitude of change relative to the 1X cross-linker density was evaluated to look for
trends between the different species. The magnitude of change for each cross-linker species as cross-
linker density was increased was very different and is demonstrated in Figure 2-5. It can be seen that
the change is not necessarily correlated to the amount of additional cross-linker, but depends more on
the cross-linker species. For compression samples, DEGDMA shows the most drastic change as the
cross-linker density increases for stress and modulus. TEGDMA shows the least amount of change in
both compression and tension. It should also be noted that DEGDMA and Tetra-EGDMA present
similar changes under tension as cross-linker density increases, whereas TEGDMA shows little
change. Figure 2-5 further illustrates that there is not much change in compressive strain as the cross-

linker density changes.
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Degradation Studies.

The degradation behaviors of TMA/CAA polyampholyte hydrogels have not been
characterized previously. For this degradation study, 1X cross-linker density hydrogels with the three
different cross-linkers species were monitored for 113 days in Sorenson’s buffer with acidic (4.5),
neutral (7.4), and basic (9.0) pH conditions. The degradation was monitored by tracking the sample
swelling and weight changes over time and the results are summarized in Figure 2-6. There were
insignificant changes in the swelling and weight change behavior for all three cross-linker species
under the neutral and basic conditions, over the time period evaluated here. Degradation occurred in
the acidic environment for all three cross-linker species, ultimately leading to full sample breakdown
after ~110 days for Tetra-EGDMA cross-linked samples. The Tetra-EGDMA hydrogels increased in
both weight and swelling over time. Conversely, the DEGDMA and TEGDMA cross-linked
hydrogels decreased in both size and weight. They also did not reach full degradation like the Tetra-
EGDMA hydrogels over the time period evaluated. These paired results suggest that the Tetra-
EGDMA samples degraded via bulk degradation pathways, while the DEGDMA and TEGDMA

degraded via surface degradation pathways, as discussed in more detail below.
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Discussion
The compression samples show that increasing the cross-linker density generally leads to
increasing stress at failure and elastic modulus, which has been seen in previous studies [36, 39].
Specifically, the physical properties under compression for TMA/CAA hydrogels with a TEGDMA
cross-linker have been tested previously and the trends between the previous results and this study are
similar [33]. The results in this study show that the available range of mechanical properties can be
expanded even further by varying the length of the cross-linker species, suggesting a wider range of

tunability. A similar range is also demonstrated under tension in this study as well.

The results on Figure 2-3 e show that increasing the cross-linker chain length decreased the
compressive strain at failure specifically at higher cross-linker densities. Additionally, there were no
significant differences in strain for each cross-linker species with changes in the cross-linker density.
This indicates that the compressive strain is not dependent on the amount of cross-linker in the
hydrogel. These hydrogels are made up of 90% water and has been demonstrated that changing the
cross-linker density does not change the hydration level [33]. This high water content leads to bulk
incompressible behavior, as water is generally treated in this fashion. Therefore, there is no change in

strain as a function of cross-linker density.

When the 4X cross-linker density stress-strain curves under tension are examined (Figure 2-4
c), it is evident that all three cross-linker species have a portion of the curve that has similar slope
with each other. This occurs before the transition region in the DEGDMA cross-linked samples,
across the entirety of the profile for the TEGDMA cross-linked samples, and after the transition
region in the Tetra-EGDMA cross-linked samples. After the transition region, the system has very
similar behavior to the TEGDMA samples. While similar trends exist in the 1X and 2X cross-linker
density stress-strain curves, they are not as prevalent because the pendant group packing densities are
lower. Polymers have a coiled structure and the stress-strain profiles seen in Figure 2-4 a and b are
typical for rubber like materials. As the hydrogels are pulled, the polymer chains rearrange and
straighten out. Polymers act as an entropic spring, and the change in modulus is a result of that. At the
coiled state, they have higher entropy and that decreases as they are stretched out. As the cross-linker
density is increased to 4X, the stress-strain behavior appears to transition more to a brittle plastic-like

profile. This is understandable as there are more cross-links present and increased structure rigidity.

Figure 2-7 presents an example of the most tightly packed pendant group alignment; it is
readily acknowledged that the pendant groups will rotate around the polymer backbone in three-
dimensions to reduce the overlap and resulting steric hindrance. These polymers are also mostly made

up of water, which is not apparent in this schematic. It is estimated that there are approximately 630 -



17

675 water molecules per each 4X cross-linker density grouping (6.6:1 monomers:cross-linker)
depending on the cross-linker species. This is based on the published weight percent hydration for
similar hydrogels [33]. Furthermore, as the cross-linker density is increased, it will reduce the degrees
of freedom available for this pendant group rotation. This results in more overlap between pendant
groups in hydrogels cross-linked with DEGDMA, which will not be seen in the TEGDMA and Tetra-
EGDMA cross-linked systems.
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Figure 2-7 Schematic showing the packing density of the pendent side chains with a) DEGDMA, b) TEGDMA,
and c) Tetra-EGDMA cross-linkers.

The packing density theory can be used to explain the degradation study results. The Tetra-
EGDMA cross-linked hydrogels present a different degradation behavior than the DEGDMA and
TEGDMA cross-linked hydrogels under acidic conditions. All of the hydrogels degrade via acid
hydrolysis of the ester groups present in both the cross-linkers and monomers [1, 6]. The results
indicate that the DEGDMA and TEGDMA cross-linked hydrogels degrade via surface degradation
pathways (shrinkage and weight loss), while the Tetra-EDGMA hydrogels degrade via bulk
degradation pathways (swelling and weight gain) [40, 41]. The strong electrostatic interactions that
occur between adjacent polymer chains cross-linked with either DEGDMA or TEGDMA cross-
linkers provide steric hindrance that limits accessibility to the ester groups of the cross-linker where
overall degradation occurs. Therefore, degradation only occurs at the surface and outmost layers of
the hydrogels. In contrast, the pendant groups of adjacent polymer chains in hydrogels cross-linked
with Tetra-EGDMA have wider spacing, facilitating easier penetration into the hydrogel and bulk

degradation.
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Conclusion

In this work, polyampholyte hydrogels were formed from equimolar mixtures of TMA and
CAA charged monomer subunits with three different ethylene glycol based cross-linkers (di-, tri-, and
tetra-ethylene glycol). Fluorescent microscopy evaluations confirmed that the multifunctional
nonfouling and protein conjugation capabilities of TMA/CAA hydrogels were not impacted by the
cross-linker species. The compression and tensile properties of this family of hydrogels were
evaluated across a range of cross-linker densities and the results suggest that this is another way that
polyampholytes can be tuned. The cross-linker length and subsequent packing density impact the acid
hydrolysis degradation pathway for this family of hydrogels. Hydrogels cross-linked with DEGDMA
and TEGDMA degraded via surface degradation pathways, while those cross-linked with Tetra-
EGDMA degraded via bulk degradation pathways. Molecular dynamics investigations are on-going,
and they will provide further mechanistic insight into the proposed theories. However, the results
from this study clearly demonstrate the broad tunability of polyampholyte hydrogels for tissue

engineering applications.
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Chapter 3: Polyampholyte Microspheres for Extended Drug Delivery

Introduction

Polymer microspheres are becoming more prevalent for medical applications because they
have several benefits including control of size and they are cheap to produce [12, 42]. Some common
methods of creating polymer microspheres include emulsion, dispersion, and suspension, which
requires the use of a surfactant to act as a stabilizer as the microspheres form [13, 42]. They can be
used as drug delivery vehicles, bulking agents, and embolic particles [42]. Bulking agents are
materials that can be used to replace lost volume in tissue due to aging and disease [42]. Use of
microspheres as bulking agents can give structure and support to muscles that open and close tubular
structures in the body [42]. For instance, bulking agents are in wide use to treat female stress urinary
incontinence [42-44]. Embolic particles can be used to block blood vessels for to prevent tumor
development [42]. The use of microspheres for drug delivery is of growing interest because of their
ability to be tuned for specific purposes and their controllable release [12, 13, 45]. This chapter will

specifically look at microspheres for drug delivery applications.

There are several important factors that control release rate, including microsphere size, pH,
temperature, crystallinity, and porosity [13, 46, 47]. Larger microspheres tend to have slower release
rates, whereas smaller microspheres have much faster release rates [13, 47, 48]. Size control is also
important for the desired application. For example, if the microspheres are to be administered by
injection, they must be under 6 um in diameter to prevent capillaries from being blocked [13]. To
reach certain organs, they sometime must be even smaller (5-100 nm) [13, 49]. Using pH as a method
for controlled release could allow for targeted applications [13, 46, 50]. One example of this is to
tailor the release in the gastro-intestinal tract, where there is large variability in pH [51]. It might be
desired to release site-specific drugs in the stomach where the pH is between 1.5-3.5, vs the intestines

where the pH varies between 5-7.5 [51, 52].

Nonfouling polymers are being considered as a drug delivery vehicle because they have the
potential to allow extended drug release without the body’s natural immune response clearing the
drug carrier from the blood stream [53]. Polyampholyte hydrogels can potentially be used as a drug
delivery platform because they have several unique characteristics. First, they are proven to be
nonfouling. Several studies have demonstrated that they are resistant to nonspecific protein adsorption
[32, 33]. Nonfouling is an important feature because it can prevent an immune response and clearance

from the blood stream [53]. Second, they have tunable physical and mechanical properties based on
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hydrogel composition [33, 36]. This is a key feature for drug delivery because it allows for things

such as pore size, release rate, and degradation rate to be tailored to the drug species and application

[].

Finally, polyampholyte hydrogels can release biomolecules to the body, as demonstrated by
Barcellona et al. in preliminary studies using metanil yellow, methylene blue, and caffeine [32]. They
found that the environment the hydrogels were in affected the release properties of the selected
pseudodrugs based on electrostatic interactions and molecule size. These properties can be tuned to
tailor release rates for specific uses in biomedical applications. Barcellona et al. demonstrated short-
term release by loading hydrogels with pseudodrugs, but polyampholytes can also be used for long-

term release if the drugs are conjugated to the hydrogels [33, 46].

In this work, the release of vitamin D3 was first studied. This drug was selected to address the
issue that many space travelers have low concentrations of 25-hydroxyvitamin D in their blood
stream after extensive time in space [54, 55]. Vitamin D has shown to have an effect on calcium
metabolism and bone mineralization, and vitamin D deficiency is linked to type 1 diabetes, certain
cancers, osteoporosis, and heart disease [55-57]. The low concentrations of 25-hydroxyvitamin D has
led to increasing supplementation for space travelers, which not only increases the payload sent to
space, but also increases the dosage frequency [54]. Therefore, it would be beneficial to develop a
drug delivery vehicle with extended and controlled release properties to mitigate the need to increase

supplementation.

It is hypothesized that a droplet on demand generator will be a good method for creating drug
loaded polyampholyte microspheres. Ideally, the natural resistance to protein adsorption will lead to
increased circulation times for polyampholyte polymer delivery vehicles, thereby maximizing the
release and uptake of loaded supplements and drugs [53]. This hypothesis was tested by building a
piezoelectric droplet-on-demand generator. Microdroplets composed of a 1:1 molar ratio of TMA and
CAA monomers were formed, but other polymeric formulations can also be used. The monomers
were cross-linked with TEGDMA fed at a 6.6:1 monomer to cross-linker ratio. The molecular
structures are shown in Figure 2-1. Polymerization was induced using a photo-initiated free radical
approach. Two photoinitiators were tested to determine their relative impacts on the polymerization
process. The nonfouling properies of the resulting microspheres were evaluated using FITC-BSA and
the microspheres size was determined using microscopy. The release properties of vitamin D3 and
metanil yellow were studied in PBS. The results demonstrated the capability of the piezoelectric
droplet on demand generator for generating polyampholyte microspheres, and the challenges with

using this approach for forming drug delivery systems.
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Methods and Materials

Materials

Ethylene glycol, phosphate-buffered saline (PBS, pH 7.4), FITC-BSA, TMA, CAA,
TEGDMA, cholecalciferol (vitamin D3), and sodium hydroxide were purchased from Sigma-Aldrich.
Ethanol was purchased from Greenfield Global. Lithium phenyl-2,4,6-trimethylbenzoylphosphinate
(LAP) and 2-hydroxy-4'-(2-hydroxyethoxy)-2-methylpropiophenone (Irgacure 2959) were both
purchased from VWR. All chemicals were used as received. The piezoelectric buzzer (102-1128-ND)
was purchased from Digi-Key, and the H-bridge and LED lights were both purchased from Amazon.

Droplet generator

For this study, a droplet on demand generator was constructed based on work from Harris et
al with several design modifications [58]. Figure 3-1 shows a schematic of the generator (excluding
additional lights). It consists of a fluid reservoir (A) mounted on a translation stage that adjusts the
height. The height is important because it determines the hydrostatic pressure at the outlet. If it is too
high, droplets will form from gravity, and if it’s too low, air will be sucked into the system and no
droplets will form [58]. The reservoir feeds into the fluid chamber (B) that is topped with a
piezoelectric buzzer (C). This sends a pulse through the generator and ejects a droplet through a
nozzle (D). The droplets fall through a UV light fixture (E) while they are polymerized, and droplets
are collected in a vessel below or in between the light fixtures. The system was built out of aluminum
and nozzles with three different diameters (0.4, 0.6, and 1 mm) were custom made with stainless
steel. Two light fixtures were built consisting of 9 365 nm LEDs each. The aluminum backing
worked as the frame to mount the lights and as a heat sink. Each frame had three lights connected in
series and the sets were connected in parallel as seen in the circuit diagram in Figure 3-2. The light
intensity was measured with a Solarmeter® Model 5.0 Standard UVA+B Meter. The electrical
components needed to run the piezo included an adjustable DC power supply, an H-bridge to switch
the polarity of the supplied voltage, and an Arduino Uno microcontroller. The electrical system is
shown in Figure 3-3. Hudson et al. wrote a program in MATLAB to run the system [59]. Several
parameters could be changed while running the droplet generator including the frequency of pulsing
and the voltage supplied to the piezo. The droplet generator could run with a frequency as low as 5

Hz, and upwards of 700 Hz. The range of freqencies tested were between 5 Hz and 30 Hz.
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Figure 3-3 Circuit diagram for the piezoelectric droplet on demand generator.
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Hydrogel synthesis

Microspheres were synthesized using equimolar concentrations of TMA and CAA using a
modified procedure based on previous work from this research group [33]. First, 11.25 mL of 3 M
NaOH, 7.5 mL of ethanol, and 11.25 mL of ethylene glycol were combined to make 30 mL of a
buffer solution. Then, 36.3 mL of TMA (1.8 M) and 20.2 mL of CAA (1.8 M) were added to the
solution and mixed thoroughly. Then, 13.5 mL TEGDMA was used as the cross-linker to create a
6.6:1 monomer to cross-linker ratio (4X cross-linker density). Finally, one of two photoinitiators was
added to the solution to initiate the reaction when exposed to UV. LAP and Irgacure 2959 were tested
to determine the optimal polymerization conditions. This formulation was selected based on trial and
error studies to get the highest concentration of monomer while still being able to produce droplets.
At too high of a monomer concentration, the solution properties would not allow for droplet
formation. The solutions tested consisted of buffer to monomer ratios shown in Table 3-1. Once the
initiator was selected, six different concentrations (0.01, 0.05, 0.1, 0.5, 1.1, and 5% weight/volume)
were used to determine which concentration gave the quickest polymerization. This was done
externally from the droplet generator using a pipette with 5 and 2.5 uL of polymer solution beaded at
the pipet tip and held in the light fixture. Once the optimal concentration was determined, the solution
was loaded into the droplet generator and the different nozzles were tested. Three methods of
collecting droplets were also tested. First, the droplets fell into a petri dish below the lights. In the
second method, the droplets fell in a 100 mL graduated cylinder filled with water below the two light
fixtures. For the third collection method, a 15 mL test tube full of water was placed in between the
two light fixtures for droplet collection. For all of the results discussed in the following section, the

droplet generator ran at 29.4 volts and with a frequency of 20 Hz.

Table 3-1 Different ratios of buffer to monomer tested in the droplet generator.

% Buffer 0 6.7 12.5 24 30

% Monomer &

100 93.3 87.5 76 70
Crosslinker

Microsphere characterization

Microsphere sizes were characterized using a Nikon microscope with a 4X and 10X
objective. The diameters were measured, and pictures were taken using NIS Elements software. The
diameter measurements were taken from 235 droplets from 6-30 samples/picture. Nonfouling tests
were conducted to verify that this property was not affected by the synthesis method. For nonfouling

testing, microspheres were transferred to a petri dish and they were exposed to 1 mL of 1 mg/mL
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FITC-BSA in PBS for 15 minutes. The samples were then rinsed 3 times in neutral PBS to remove
unbound protein. Nonfouling was evaluated by comparing the fluorescence of these samples to
control samples which were not exposed to protein using an inverted fluorescent Nikon microscope

with a 4X objective.

Drug release

Before characterizing the drug release properties of the loaded microsphere, several tests
were conducted by measuring the absorbance of color released in solution with a BioTek PowerWave
XS2 spectrophotometer. This was done to ensure it was possible to directly detect vitamin D3 before
adding it to the microsphere synthesis process. This was first tested with vitamin D3 in a solution of
PBS and Tween 80 (1% w/v), PBS and sodium dodecyl sulfate (0.1% and 0.5% w/v), or 100%
ethanol to improve the solubility [60, 61]. Vitamin D3 concentrations ranged between 15.6-250
pg/mL. The absorbance was measured at 290 nm to find the minimum detectable level. When it was
determined it could not be detected below a concentration of about 125 pg/mL, with the exception of
the ethanol solution, an enzyme-linked immunosorbent assay (ELISA) from Aviva Systems Biology
was tested. Similar to the first test, vitamin D3 solutions of 1% SDS in PBS, 1% Tween 80 in PBS,
and 1% Tween 80 in Tris buffer were made and then solutions were diluted to a range of
concentrations between 1.5 — 200 ng/mL. Procedures from the ELISA kit (OKEH02571) were
followed. The absorbance was measured at 450 nm and the wells were compared to the ELISA kit
standard. After that, the release properties with metanil yellow loaded microspheres were studied by
measuring the absorbance in neutral PBS. Metanil yellow was selected because it is nearly the same
size as vitamin D3 and has demonstrated release with polyampholytes previously [32]. The hydrogels
were synthesized with the above method, with the addition of 20 pM metanil yellow. When the test
tube was removed from the droplet generator apparatus, the samples were immediately transferred to
a 15 mL centrifuge tube and centrifuged at 2500 rpm for 3 minutes. The supernatant was pipetted off
the droplets and 3 mL buffer solution was added to the centrifuge tube. To rinse away any polymer
solution, it was centrifuged again with the same parameters, and the buffer was removed. This was
repeated once more. Finally, 1 mL of buffer was added to the centrifuge tubes as a release media.
Samples of the buffer were measured in a 96 well-plate and the absorbance was measured at 430 nm

with the plate reader. The buffer was removed and replaced after each measurement was taken.
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Results

Droplet Generator

The droplet generator has adjustable parameters including the voltage and the frequency. If
the droplet generator ran below 27 volts, droplets would not form with the polymer solution. To keep
things consistent, the droplet generator was set to 29.5 volts for all of the trials. Several different
frequencies were tested. Below 20 Hz, the polymer solution would polymerize in the nozzle quickly,
clogging the system. Above 30 Hz, the droplet generator produced a spray, so droplets were not
collected at that setting. Therefore, a frequency of 20 Hz gave the most consistent results. The light
intensity was measured when the new light system was added and 2 months after that. The first
measurements read between 11.5-13.6 mW/cm? when pointing the solarmeter into the light fixture

and decreased to 9-11.5 mW/cm? after several months of operation.

Hydrogel synthesis

Two photoinitiators and the initiator concentration were tested to determine what would give
the quickest polymerization. Even at high concentrations, Irgacure 2959 had a slow polymerization
time. As a result, no droplets were collected because they did not form by the time they landed in the
collection vessel. LAP was much more successful in forming polymer microspheres due to faster
kinetics [62]. In order to determine the best concentration, six different concentrations were used and
the time to polymerize was measured. The results are summarized in Table 3-2. At a concentration of
0.5% weight/volume, the polymerization time was under 2 seconds on average, whereas all the other

concentrations tested resulted in polymerization times upwards of 2 seconds.

Table 3-2 Average time for droplets to polymerize based on concentration of photoinitiator

Polymerization Kinetics
LAP Concentration (% w/v) 0.01 | 0.07 0.1 0.5 1.1 5
Average Time (s) 803 | 6.06| 2.65| 1.55| 2.11| 3.28
Standard Deviation 1.40 | 1.69| 0.51| 023 | 0.20| 0.65

Of the three nozzles tested, the 0.4 and 0.6 mm nozzles consistently had wicking issues that
prevented droplet formation. The 1 mm nozzle would have wicking issues, but it did not prevent
droplet generation. It was found that thoroughly cleaning the nozzle would often avert fluid wicking
up the nozzle. This was done by clearing the inside and outside of the nozzle to remove any polymer

residue.

Of the three collection methods tested, droplet formation would occur for only the test tube

and graduated cylinder methods. The water helped slow the droplet down to increase the degree of
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polymerization, by increasing the light exposure time. Both methods had issues with a polymer film
forming on top of the water that would sometimes prevent droplet collection. This was more
prevalent with the test tube method due to the small diameter and reduced level of light exposure.
More of the polymer solution was wasted because it hit water before much light exposure took place
and had a much smaller fall distance (17cm) than the graduated cylinder (41 cm). Less droplets were
collected with the graduated cylinder method likely because it was not slowed down initially while
falling through the light fixtures. Based on these results, LAP with a 0.5% weight/volume

concentration, the 1 mm nozzle, and the test tube method were used for all subsequent studies.

Microsphere characterization

The microsphere size distribution is shown in Figure 3-4. It shows there was large variation
of microsphere sizes ranging from under 4 um up to 450 um. The distribution shows an exponential
decrease, as the droplets get larger. Microspheres under 4 um in diameter were not quantified due to
the large number of microspheres above this size range. Figure 3-5 gives a visual of the size

distribution. Both images were taken from samples in the same experimental run, with a 4X objective.

90
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(19, 34] (49, 64] (79, 94] (109, 124] (139, 154]
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Figure 3-4 Size distribution of droplets.



Figure 3-5 Representative light microscopy images (4X) highlighting the range of
polyampholyte microspheres obtained from the droplet generator..
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One key feature for the intended application is nonfouling and this was assessed using FITC-
BSA and fluorescent microscopy. Representative microscopy images highlighting the nonfouling
property are shown in Figure 3-6. The circled droplet is the nonfouling microsphere that was exposed
to protein, while the others are controls that were not exposed to FITC-BSA. There is no visible
fluorescence on the circled droplet relative to the unexposed controls, demonstrating that the droplet

generation procedure and modified polymer solution does not affect the known nonfouling

capabilities.

Figure 3-6 Representative fluorescent microscopy images following FITC-BSA adsorption. The circled droplet
was exposed to FITC-BSA and the rest are control microspheres.

Drug release

The vitamin Djs tests that were conducted were unsuccessful. This is likely due to the poor
solubility of vitamin D3 in PBS, even with the addition of a surfactant. Figure 3-7 shows the direct
detection absorbance profiles of vitamin D3 in different solutions. There was some degree of detection
at higher concentrations, but it was not expected that the microspheres would release vitamin D at
that high of a concentration level. Additionally, with the poor solubility, it was unlikely there would
be release into any PBS [60]. Therefore, the direct detection of vitamin D3 is not viable using

absorbance.
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Figure 3-7 Absorbance of vitamin Dj3 in different solutions

Because direct detection of vitamin D3 was not possible at the relevant concentration levels,
indirect detection was pursued with a commercially available ELISA kit. However, concentration
differences of vitamin D3 were not detected with the ELISA kit. Again, this was likely due to poor
solubility. Figure 3-8 shows the ELISA results for vitamin D; in different buffers. The standard curve
matched the curve in the kit instructions and was to be used to determine the concentrations of
vitamin Ds in the solution. However, in each of the laboratory control samples, it is readily apparent
that there is no significant signal change with varying concentrations. It was concluded that these
results do not give an accurate measurement of the vitamin D3 concentrations. Further research must

be done on vitamin D delivery systems to use polyampholytes for this application.
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Figure 3-8 ELISA test curves.

Because vitamin D3 was not detectable through either direct or indirect approaches, metanil
yellow tests were conducted instead. The release of metanil yellow was evaluated over a 98-hour
period. The averaged results of this study can be seen in Figure 3-9. There was a large amount of
error generated due to inconstant amounts of droplets in each evaluation sample, large variation in
microsphere size, and loss of metanil yellow during the multiple rinse cycles. Overall, this experiment

was also unsuccessful at demonstration long-term controlled release, but it did demonstrate short-term

release from the polyampholyte microspheres.
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Discussion

Several different ratios of monomer to buffer were tested before settling on the formula
discussed in the methods section. This was done to determine how much monomer/cross-linker could
be used before droplets no longer formed. A higher concentration of monomer and cross-linker was
desired to speed up polymerization. The ratio used worked well for the 1 mm nozzle but polymer
droplets would not form with the 0.4 - 0.6 mm nozzle. Instead, solution wicked up the side of the
nozzle. This issue was prevalent in the experiments conducted by Hudson et al. [59]. They believed
the piezo pulse was not strong enough to separate a droplet from the bulk solution, and the repeated
pulsing of fluid without ejection resulted in wicking due to the surface tension of the polymer solution
[59]. Droplets would form with the 0.6 mm nozzle when the system ran with water, demonstrating the
wicking could be a result of the polymer solution properties. Harris et al. used nozzles with diameters
between 0.5-1.4 mm [58]. They used the Ohnesorge number (Oh) to determine the influence of

viscous and capillary forces shown by Equation 3-1.

H (3-1)
VORwp

Here, u, o, R, and p are the dynamic viscosity, surface tension, nozzle radius, and density,

Oh =

respectively. Harris et al. used silicone oil in their study and found Oh values between 0.16 -0.28
[58]. It could be worth determining Oh to see if it is in range of their values because they expected
their system would work best with viscosities the same as or lower than silicone oil [58]. To calculate

this, the dynamic viscosity, surface tension, and density of the polymer solution are needed.

As discussed in the methods, two photoinitiators were tested. Irgacure 2959 had a slow
polymerization time, so there was little success in droplet generation. LAP has become more common
in use for biomedical applications because it is noncytotoxic and has a peak absorbance at 375 nm
[62]. It was determined that LAP was more suitable for this study because it has good overlap with
the emission wavelength of the LEDs used in this experiment (365 nm) and polymerized more
quickly than Irgacure 2959. The decrease in UV intensity over the lifetime of these studies could have
had an effect on the photopolymerization over time. UV is what generates the radicals for
polymerization, so less intense lights would result in less radicals being generated. That could slow
down the bulk polymerization kinetics and should be evaluated further if updates are made on the

droplet generator system.
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Although the test tube method of collection wasted more solution, it created a wide range of
droplets sizes, with many under 5 um. Injectable microspheres must be smaller than 6 um so they will
not block the capillaries, and in some cases, smaller than 100 nm [13]. Given the size distribution of
the microspheres synthesized in this study, they could be used for this method of delivery if they are
further separated by size. This could be done by micro sieving or centrifugation. It might be better to
get more complete polymerization in order to avoid wasted solution and for use in other applications
that do not require injection into the bloodstream. Methods to slow down the droplets and adding
more LEDs could help. This could be done by dropping the spheres into different, more viscous
media as long as it does not further alternate the light intensity. If more complete polymerization is
obtained, that could give sizes that are more consistent. It could also reduce the need for a rinsing step
after droplet collection. Mixing droplet sizes can also be used to control release rates due to the
different release properties, as size is one parameter that controls release [13, 42]. Smaller droplets
have faster release properties than larger ones where it takes more time for the drugs to diffuse out
and is partially dependent on degradation of the loaded microspheres [13, 42]. This was demonstrated

by the rapid release of metanil yellow in this study.

Other ways to improve the system would be to update the mount to fit additional lights and a
fluid-filled collection chamber. Additionally, adding a hydrophobic coating on the nozzle could also
help. The nozzle had to be wiped too frequently due to wicking. This wastes the solution and disrupts
the generator while running, as droplets do not eject. While adjusting the reservoir height and
cleaning the nozzle and generator often help mitigate this issue, it still occurs frequently while
running. These adjustments will help the system run more consistently without interruption so other

parameters can be adjusted to influence droplet size, such as the voltage supplied to the piezo.
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Conclusion

In this study, microspheres were successfully generated with a custom-built droplet on
demand generator. Microspheres ranged in sizes between 1 and 450 pm. The nonfouling studies
confirmed that the polyampholyte microspheres do not adsorb protein. While aspects of this project
were very successful, drug release studies were not effective. Of the three tests conducted, none of
them showed potential for quantifying release properties of vitamin D3 or long-term release of
metanil yellow. If this were tested again, it would be best to make the suggested changes on the
droplet generator to obtain more complete polymerization. That would eliminate the need for rinse

steps, which was one factor that affected the ability to quantify release.
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Chapter 4: Conclusion

This work aimed to assess the tunability of polyampholyte polymers for their use in tissue
engineering and drug delivery applications. This was explored in two separate projects. The first,
exploring the physical and mechanical properties of polyampholyte hydrogels with cross-linkers of
different chain lengths. The second, identifying light-initiated polymerization procedures to develop
microdroplet polymers for drug delivery using a custom built droplet on demand generator. Previous
work has shown that these polymers can be tuned based on monomer composition and cross-linker
density. Several tunable parameters include biomolecule release rate, mechanical strength, and
swelling capacity. They have nonfouling properties and conjugation capabilities that are not

dependent on the composition, which make them very suitable for biomedical applications.

This work shows that polyampholytes can further be tuned with cross-linker choice. This is
most evident with the degradation studies where it demonstrated that cross-linker choice determines
the degradation pathway. The Tetra-EGDMA samples degraded in bulk, which potentially makes
them less suitable for use as a tissue engineered scaffold considering they swelled in size and broke
apart all at once. DEGDMA and TEGDMA took a surface degradation pathway. Surface degradation
is more suitable for tissue engineering applications because it could maintain support as new tissue

forms.

The compression testing demonstrated that these hydrogels could only be strained so much
before they shattered, regardless of the cross-linker density. This is likely due to their high water
content and water is incompressible. Additionally, the magnitude of change in the mechanical
properties as cross-linker density increased was found to be more dependent on the species rather than
how much additional cross-linker is in the hydrogel. Further research must be done to understand the
behavior of these hydrogels as cross-linker changes. One suggestion on understanding these

properties better would be to study the hydrogels with different ratios of monomer and solvent.

The tunable release properties of polyampholyte microspheres could not be quantified with
the current droplet generator system. While the nonfouling properties were verified with the
microspheres, there was too much variability in the samples collected to use the system as is. Drug
release studies with Vitamin D3 were not successful and only short-term release with metanil yellow
was demonstrated. The droplet on demand generator must be improved to use the microspheres as

drug delivery vehicles.

Updating the mount could help give results that are more consistent because the reservoir

could be attached to the micrometer translation stage and adjusted more easily. This could help
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prevent some of the wicking issues that were very prevalent during droplet generation. Extra lights
should be added to the system to improve polymerization. Additionally, developing a different
collection method could prevent issues that occurred when the droplets fell into water, including
solution waste and polymerization occurring on the surface of the water. These steps could reduce
variability in droplet size, decrease solution waste, and remove the need for multiple rinsing steps. A
potential new system would be to have the collection tube full of water below one set of lights to
initiate polymerization before it reaches the water. Two additional light fixtures surrounding the

collection vessel could be added to ensure polymerization is still occurring as the droplets fall.

There is still a lot of work to be done before polyampholytes can be used as tissue engineered
scaffolds. While these polymers show a lot of promise with their multifunctionality and tunable
capabilities, there is still a need to learn more about the tunable parameters so they can be used for
targeted applications. Additionally, they will need to be tested in vivo to understand how they will
behave in that environment. The ability for these hydrogels to be used for drug delivery has been
demonstrated. Therefore, polyampholyte microspheres show promise for use as a drug delivery

vehicle if the issues with the droplet on demand generator are addressed.
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