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ABSTRACT: Injectable, dual-responsive, and degradable poly(oligo ethylene glycol 
methacrylate) (POEGMA) hydrogels are demonstrated to offer potential for cell delivery. 
Charged groups were incorporated into hydrazide and aldehydefunctionalized 
thermoresponsive POEGMA gel precursor polymers via the copolymerization of N,Nʹ-
dimethylaminoethyl methacrylate (DMAEMA) or acrylic acid (AA) to create dual-
temperature/pH-responsive in situ gelling hydrogels that can be injected via narrow 
gauge needles. The incorporation of charge significantly broadens the swelling, 
degradation, and rheological profiles achievable with injectable POEGMA hydrogels 
without significantly increasing nonspecific protein adsorption or chronic inflammatory 
responses following in vivo subcutaneous injection. However, significantly different cell 
responses are observed upon charge incorporation, with charged gels significantly 
improving 3T3 mouse fibroblast cell adhesion in 2D and successfully delivering viable 
and proliferating ARPE-19 human retinal epithelial cells via an “all-synthetic” matrix 
that does not require the incorporation of cell-adhesive peptides.  
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INTRODUCTION  

In situ gelling injectable hydrogels have attracted widespread research attention given the 
practical limitations in using conventional bulk hydrogels in vivo.1−3 Solutions of 
lowviscosity gel precursor polymers can be prepared ex vivo containing various drugs, 
therapeutics, growth factors or cells, and injected in vivo to rapidly form 3-dimensional 
waterswollen networks useful for filling tissue void defects, delivering drug reservoirs, or 
transplanting cells.4,5 Various physical (e.g., temperature,6,7 ionic,8 light,9,10 pressure11) 
and chemical (e.g., in situ click chemistries,2,12 enzyme mediated13) cross-linking 
approaches have been explored for the design of such materials. The most potentially 
translatable approaches allow facile chemical modification to tune the physicochemical 
gel properties, facilitate gelation and degradation in vivo over well-defined time scales, 
and are either thermodynamically or kinetically bio-orthogonal to avoid or minimize 
nonspecific protein or tissue interactions and thus subsequent inflammation.  

Although several natural14−16 and synthetic17−19 polymers have been investigated in this 
context, stimuli-responsive polymers have demonstrated particular potential as 
biomedical materials based on their ability to specifically respond to varying 
physiological stimuli.6,20,21 Temperature-responsive hydrogels, typically formed by cross-
linking polymers exhibiting a characteristic lower critical solution temperature (LCST), 
enable reversible swelling/shrinking phase transitions at tunable temperatures relative to 
physiological temperature. For example, the widely known thermoresponsive polymer 
poly(N-isopropylacrylamide) (PNIPAM) produces hydrogels with a volume phase 
transition temperature (VPTT) of 32 °C, switching from a swollen hydrophilic matrix at 
T < VPTT to a less hydrophilic and more collapsed structure at T > VPTT.22 More 
recently, increasing interest in biomedical applications in particular has focused on 
poly(oligo ethylene glycol methacrylate) (POEGMA) due to the specific advantages of 
POEGMA relative to PNIPAM: (1) the VPTT can be tuned precisely from 22 to 90 °C by 
varying the length of ethylene oxide (EO) repeat units on the side chain;23 and (2) the 
degradation products are all generally recognized as safe (GRAS) materials,24 better 
facilitating potential clinical translation. The reversible thermoresponsive swelling 



properties of such materials have been widely applied in pulsatile or triggered drug 
delivery applications,25 whereas the reversible hydrophilicto-(less hydrophilic) transition 
has been applied to design materials exhibiting reversible cell affinity or switchable cell 
sheet delamination.26 In particular, the reversible control over the cell−gel interface 
provided by thermal switching offers potential benefits in the context of tissue 
engineering, in which reducing cell reliance on the synthetic matrix as a function of time 
(as cells make their own matrix) is generally desirable to promote functional tissue 
regeneration.26,27 Our group has recently reported extensively on injectable, hydrazone-
crosslinked POEGMA hydrogels prepared by coextrusion of hydrazide and aldehyde-
functionalized hydrogels that facilitate the minimally invasive delivery of such gels in 
vivo,17,21,28 removing a key translational barrier to the use of such materials in the clinic.  

pH-responsive hydrogels have also attracted considerable interest given their capacity to 
reversibly respond to changes in environmental pH, which naturally undergoes 
substantial variations both as part of normal function (e.g., within the gastrointestinal 
tract or vagina) or as a response to a diseased state (e.g., in tumors or wounds). pH-
responsive hydrogels have been applied to site-specific drug delivery in the stomach29,30 

or the colon,31 microenvironment-specific delivery responsive to disease,30 and to 
promote tissue regeneration through the controlled release of growth factors during cell 
maturation.32,33 Most work on the use of such gels in biomedical applications has focused 
on cross-linking pHsensitive natural (chitosan,1,34 alginate35) and/or synthetic 
(poly(acrylic acid) (PAA),36,37 polyethylenimine (PEI) and poly(N,Nʹ-
dimethylaminoethyl methacrylate) (PDMAEMA))38,39 polymers, all of which have 
different pKa values, backbone hydrophobicities, and effective ionization ranges to enable 
tuning of the pH-driven response.40 Amphoteric gels that contain both cationic and 
anionic charges have attracted particular attention both due to their demonstrated capacity 
to suppress nonspecific protein adsorption (thought to be related to their protein-mimetic 
charge distributions)41,42 as well as their ability to form ionic cross-links under near-
neutral pH conditions in which both the cationic and anionic functional groups are 
charged,43 providing an additional cross-linking mechanism to enhance the mechanics of 
the resulting hydrogels.  

Combining the advantageous properties of more than one of these “smart” responses into 
a single multiresponsive hydrogel can enable additional control over gel properties. For 
example, Khatoon et al. developed temperature and pH responsive PNIPAM-chitosan 
hydrogel wound dressings for the release of gentamycin sulfate (GS) that trigger release 
of the antibiotic as both the temperature and pH of the wound environment was 
increased; alternatively, we have designed dual-responsive microgels that utilize the 
thermal phase transition to instantaneously gel at an injection site followed by the 
pHinduced phase transition to deaggregate and thus release the microgels at a controlled 
rate.44 However, to our knowledge, there is no example of a dual thermoresponsive/pH 
responsive covalently in situ gelling hydrogel that can exploit the benefits of these dual 



responses while also being capable of minimally invasive delivery in vivo.  

Herein, we report the design of charged, thermoresponsive injectable and degradable 
POEGMA hydrogels prepared from precursor polymers exhibiting both thermal phase 
transitions as well as well-defined charge distributions (positive, negative, or amphoteric) 
that enable both pH-induced phase transitions and pH-tunable secondary (ionic) cross-
linking. The dual-responsiveness coupled with the switchable secondary cross-linking is 
demonstrated to result in hydrogels with substantially broadened swelling, degradation 
and mechanical profiles amenable to use in biomedical applications; at the same time, no 
significant increase in nonspecific protein adsorption or chronic tissue responses 
following subcutaneous injection is observed as a result of charge incorporation, a result 
attributable to the brush copolymer structure of the POEGMA backbone polymer. We 
then apply these desirable physicochemical properties to demonstrate the potential of 
charged POEGMA injectable hydrogels for delivering retinal pigment epithelial (RPE) 
cells, a potential therapeutic strategy to arrest or reverse vision loss in patients with age-
related macular degeneration (AMD) or retinitis pigmentosa (RP) by replacing and 
stimulating retinal epithelial growth once the native epithelium has been damaged or lost. 
Given the adhesiondependent properties of RPE cells (which adhere to the basal 
membrane in vivo for support45), polymeric delivery vehicles that can support RPE 
adhesion while still enabling injection through narrow gauge needles into the back of the 
eye are essential to translate such therapies to the clinic. The combination of the 
thermoresponsive POEGMA backbone (facilitating cell interactions without 
compromising low nonspecific protein adsorption) and charged functional groups 
(enabling electrostatic interactions between the matrix and the cells) within an injectable 
platform is demonstrated to support high cell viability and, in some cases, proliferation 
without cell clumping over extended time periods, as desirable in such a vehicle. 

EXPERIMENTAL SECTION  

Materials. Oligo(ethylene glycol) methyl ether methacrylate with an average number-average 
molecular weight of 475 g/mol−1 (OEGMA475, Sigma-Aldrich, 95%) and di(ethylene glycol) 
methyl ether methacrylate (M(EO)2 MA), Sigma-Aldrich, 95%) were purified using an aluminum 
oxide packed column (Sigma-Aldrich, type CG-20) to remove the methyl ether hydroquinone 
(MEHQ) and butylated hydroxytoluene (BHT) inhibitors. N-(2,2-dimethoxyethyl) 
methacrylamide (DMAEAm, Sigma-Aldrich, 98%) was synthesized according to a previously 
reported procedure.17 Acrylic acid (AA, Sigma-Aldrich, 99%), N,N-dimethylaminoethyl 
methacrylate (DMAEMA, SigmaAldrich 98%), adipic acid dihydrazyde (ADH, Alfa Aesar, 
98%), Nʹethyl-N-(3-(dimethylamino)propyl)-carbodiimide (EDC, Carbosynth, Compton CA, 
commercial grade), thioglycolic acid (TGA, SigmaAldrich, 98%), bovine serum albumin (BSA, 
Sigma-Aldrich, > 96%), fluorescein isothiocyanate (FITC, Sigma-Aldrich, 90%) and 
2,2azobisisobutryic acid dimethyl ester (AIBMe, Wako Chemicals, 98.5%) were used as 



received. For all experiments, Milli-Q grade distilled deionized water (DIW 18.2 MΩ cm 
resistivity) was used. Dimethyl sulfoxide (DMSO, reagent grade) was purchased from Caledon 
Laboratory Chemicals (Georgetown, ON). Hydrochloric acid (1 M) was received from LabChem 
Inc. (Pittsburgh, PA). Human retinal pigment epithelial cells (ARPE-19) (ThermoFisher 
Scientific) were expanded in Dulbeccos Modified Growth Medium F12 (DMEMF12, 
ThermoFisher Scientific) supplemented with 10% fetal bovine serum and 1% Penicillin 
Streptomycin (ThermoFisher Scientific), and cultured at 37 °C with 5% CO2 on tissue culture 
polystyrene (TCPS, Greiner).  

Synthesis of Neutral and Charged Hydrazide-Functionalized POEGMA Precursors (POH and 
POHC). Hydrazide functionalized POEGMA precursor polymers (PO10H30) were synthesized as 
described previously,28 while cationic hydrazide-functionalized POEGMA precursor polymers 
(PO10H30D20) were synthesized using a modification of that recipe. Briefly, AIBMe (37 mg), 
M(EO)2MA (3.9 g), OEGMA475 (0.10 g), cationic functional monomer DMEAMA (0 μL for 
PO10H30, 1290 μL for PO10H30D20), AA (523 μL for PO10H30, and 714 μL for PO10H30D20), and 
TGA (7.5 μL) were dissolved in 1,4dioxane (20 mL). Additional AA was added in the cationic 
precursor recipe to maintain an equivalence between the number of AA residues per chain (and 
thus degree of hydrazide functionalization) between neutral and cationic precursors, enabling 
matching of the reactive functional group contents and thus cross-linking potential in each 
precursor. After purging for 30 min, the flask was sealed and submerged in a preheated oil bath 
at 75 °C for 4 h under magnetic stirring. The solvent was removed, and the resulting dry polymer 
was dissolved in 100 mL DIW. Adipic acid dihydrazide (4.33 g for PO10H30, 6.85g for 
PO10H30D20), was added, the pH was lowered to pH 4.75 using 0.1 M HCl, and then EDC (1.93 g 
for PO10H30, 2.44g for PO10H30D20) was added, with the pH maintained at pH 4.75 by the 
dropwise addition of 0.1 M HCl over the subsequent 4 h. The solution was left to stir overnight, 
dialyzed (MWCO = 3500 g mol−1) against DIW for a minimum of 6 cycles, and lyophilized. The 
polymers were stored as 20 w/w% solutions in PBS at 4 °C. The degree of functionalization was 
determined from conductometric base-into-acid titration (ManTech Associates), using a 0.1 wt % 
polymer solution in 1 mM NaCl as the sample and 0.1 M NaOH as the titrant. Hydrazide 
polymers are labeled using the convention POxHyCz, where x equals the mole fraction of 
OEGMA475 among the PEG-based monomers added (the remainder of which is M(EO)2MA), y 
equals the mol % of total monomer residues functionalized with hydrazide reactive groups, and z 
denotes the mol % of charged monomer incorporated into the polymer.  

Synthesis of Neutral and Charged Aldehyde-Functionalized POEGMA Precursors (POA and 
POAD). Aldehyde functionalized POEGMA precursor (PO10A30) was synthesized as described 
previously,28 whereas anionic aldehyde functionalized POEGMA precursor (PO10A30C20) was 
synthesized using a modification of that recipe. Briefly, AIBMe (50 mg), M(EO)2MA (3.9 g), 
OEGMA475 (0.10 g), acetal functional monomer DMAEAm (1.30 g for PO10A30, 1.80 g for 
PO10A30D20), anionic functional monomer AA (0 g for PO10A30, 0.52 g for PO10A30C20), and 
TGA (7.5 μL) were dissolved in 1,4-dioxane (20 mL). Similar to the hydrazide polymer 
synthesis, the DMAEAm content was adjusted to ensure an equivalent number of aldehyde 



groups and thus cross-linking potential per polymer chain produced. After purging for at least 30 
min, the flask was sealed and submerged in a preheated oil bath at 75 °C for 4 h under magnetic 
stirring. The solvent was removed, and the polymer was subsequently dissolved in 100 mL of 0.5 
M HCl. The solution was left to stir for 24 h, dialyzed (MWCO = 3500 g mol−1) against DIW for 
a minimum of 6 cycles, and lyophilized. The polymers were stored as 20 w/w% solutions in PBS 
at 4 °C. The degree of functionalization was determined from 1H NMR analysis, comparing the 
integral values of the -OCH3 signal (3H, δ = 3.35−3.45 ppm) and the − CHO signal (1H, δ = 
9.50−9.58 ppm). Aldehyde polymers are labeled using the convention POxAyDz, where x equals 
the mole fraction of OEGMA475 among the PEG-containing monomers (the remainder of which 
was M(EO)2MA), y equals the mol % of total monomer residues functionalized with aldehyde 
reactive groups, and z denotes the mol % of charged monomer incorporated into the polymer.  

Synthesis of Fluorescein-Labeled Proteins. Fluorescein-isothiocyanate (FITC)-labeled bovine 
serum albumin (BSA-FITC) and FITC labeled lysozyme (Lyz-FITC) were prepared by 
dissolving 50 mg of the protein in a 100 mL carbonate buffer at pH 9.0. FITC (1 mg) was then 
added, and the solution was incubated at room temperature for at least 12 h under gentle 
mechanical agitation. The FITC-labeled proteins were subsequently dialyzed against deionized 
water for 6+ cycles and lyophilized. The isolated conjugated proteins were stored at −4 °C in the 
dark.  

Chemical Characterization of Precursor Polymers. Polymer molecular weight was measured via 
size exclusion chromatography (SEC) using a Waters 2695 separations module equipped with a 
Waters 2996 photodiode array detector, a Waters 2414 refractive index detector, a Waters 2475 
multi λ fluorescence detector and four Polymer Laboratories PLgel individual pore size columns 
maintained at 40 °C, with 5 μm bead size and pore sizes of 100, 500, 103, and 105 Å. 
Tetrahydrofuran (THF) was used as the eluent at a flow rate of 1.0 mL/min, and polystyrene 
standards were used to calibrate the instrument. Aldehyde contents were measured via 1H NMR 
using a Bruker AVANCE 600 MHz spectrometer and deuterated chloroform as the solvent. 
Cloud point temperatures of the polymer precursors and VPTT values of the hydrogels were 
measured using a Variant Cary Bio 100 UV−vis spectrophotometer. The polymers were 
dissolved at a concentration of 1 mg/mL in PBS (pH 7.4), and the absorbance of the polymer 
solution was recorded at 500 nm at every 0.5 °C over a temperature range of 10 to 80 °C 
(temperature change of 1 °C/min).  

Hydrogel Bulk Gel Formation and Gelation Kinetics. Both neutral and charged hydrogels were 
prepared via coextrusion of hydrazide-functionalized (POH or POHC) and aldehyde-
functionalized (POA or POAC) precursors dissolved at 75 mg/mL in 10 mM PBS using a double 
barrel syringe with a static mixer at the outlet to ensure intensive mechanical mixing (Medmix L 
series, 2.5 mL volume capacity). The recipes for the bulk hydrogels prepared are shown in Table 
2. Hydrogel disks for all benchtop tests (swelling, degradation and VPTT measurements) were 
prepared by extruding the reactive polymer precursors through the double barrel syringe directly 
into cylindrical silicone rubber molds (diameter = 7 mm, volume = 300 μL), with gels incubated 
at room temperature for at least 4 h to ensure complete gelation prior to testing. Hydrogels for 
cell and protein adsorption studies were extruded directly into the wells of a 96-well polystyrene 
multiwell plate, while hydrogels for in vivo experiments were injected directly into the 



subcutaneous space.  

Gelation times were assessed by extruding 200 μL of the reactive precursor solutions at 
concentrations of 75 mg/mL in PBS into a 2 mL microcentrifuge tube that is rotated manually 
every 5 s. The gelation time is defined as the time point at which the hydrogel visually no longer 
flows on the time scale of the rotation (5 s).  

Hydration and Swelling. Hydrogel swelling was determined gravimetrically at 37 °C in 10 mM 
citrate, phosphate and carbonate buffered solutions of pH 3, 7.4, and 10 respectively. Hydrogels 
were placed into cell culture inserts that were subsequently placed into a 12well cell culture plate 
and completely submerged with PBS (4 mL/ well). At predetermined time intervals, the cell 
culture inserts were removed from the well, the PBS was drained, and the hydrogel was gently 
dried to wick off nonabsorbed PBS. The hydrogel disks were then weighed, after which the 
hydrogels were resubmerged into a fresh 4 mL of PBS solution and tested repeatedly until 
equilibrium swelling was reached (generally ∼30 h). Error bars represent the standard deviation 
of the replicate measurements (n = 4). The mass-based swelling ratio (Qm) was calculated by 
dividing the mass of the hydrogel at any given time point (mh) by the dry mass of polymer in the 
hydrogel (mp = initial hydrogel mass × (1 − water content)).  

Hydrolytic Degradation. Hydrogel degradation was determined gravimetrically in acid-
accelerated conditions at 37 °C in the presence of 100 mM HCl (pH 1.0); these acid-catalyzed 
conditions were used to compare the degradation properties of the hydrogels on a more 
measurable time frame as well as assess specifically the role of hydrazone hydrolysis (catalyzed 
in acidic conditions)46 on the relative degradation times of the gels. Hydrogels were placed into 
cell culture inserts that were subsequently placed in a 12-well cell culture plate and completely 
submerged in the HCl solution (4 mL per well). At predetermined time intervals, the cell culture 
inserts were removed from the well, excess solution was drained, and the hydrogel was gently 
wicked off to remove any nonabsorbed solution prior to weighing the hydrogel. Hydrogels were 
then resubmerged in fresh HCl solution (4 mL/well) until the hydrogel was completely degraded 
(i.e., no separate phase was observed between the hydrogel and the HCl bath solution). Error 
bars represent the standard deviation of the replicate measurements (n = 4).  

Rheology. The rheological properties of the hydrogels were measured using an ARES rheometer 
(TA Instruments) operating under parallel-plate geometry with a plate diameter of 7 mm and a 
plate spacing of 1 mm. Rheological properties were measured by first conducting a strain sweep 
from 0.1−100% strain at 1 Hz to identify the linear viscoelastic range of the hydrogels. A strain 
was then selected within this range and set as a constant to perform a frequency sweep from 1 to 
100 rad/s to measure shear elastic (Gʹ) and loss (Gʹʹ) moduli. All measurements were conducted 
at 25 °C, with error bars representing the standard deviation of the replicate measurements (n = 
3).  

In Vitro Protein Absorption. To assess whether protein uptake was occurring primarily via 
adsorption or absorption, larger gel samples (for which absorption would be more prevalent) of 
cylindrical shape and volume 300 μL were formed in a 3.5 mm radius silicone mold and left to 
gel completely for 4 h. Protein uptake into the hydrogel disks was measured by placing the gels 
into cell culture inserts and subsequently in a 12-well cell culture plate, completely submerging 



the gel in a 5 mg/mL BSA-FITC solution (4 mL per well). After 2 h, the cell culture inserts and 
gels were removed from the well and a 300 μL sample of the residual BSA-FITC solution was 
transferred into a 48-well plate and quantified using fluorescence as previously described. Based 
on the initial weight of polymer present in each gel, a μg/mg BSA uptake of polymer was 
calculated. Each experiment (hydrogels as well as controls) was done in quadruplicate, with 
reported errors representing the standard deviation of the replicates.  

In Vitro Protein Adsorption. To differentiate between interfacial adsorption and bulk absorption, 
we conducted thin film hydrogel adsorption assays in 96-well plates. POH/POHC/POA/POAC 
polymer solutions (75 mg/mL) were first sterilized by passing the solutions through a 0.2 μm 
filter, after which 30 μL of each precursor solution was extruded into each well of the 96 well 
plate and left overnight to ensure complete gelation. Following, 180 μL of 10 mM PBS was 
added to each well, and hydrogels were allowed to swell to equilibrium prior to protein addition 
for 30 h (a time confirmed to correspond to equilibrium swelling for all hydrogels tested, see 
Figure 1B). Excess PBS was then removed, and 60 μL of either BSA-FITC or lysozyme-FITC 
solution at concentrations of 125, 250, 500, or 1000 μg/mL in PBS was added. The hydrogels 
were incubated for 2 h at 37 °C, after which the hydrogels were rigorously rinsed five times with 
10 mM PBS to remove unadsorbed protein and the fluorescence signal was measured using a 
VICTOR 3 multilabel microplate reader using an excitation wavelength of 495 nm and an 
emission wavelength of 535 nm; linear calibration curves (R2 > 0.99) were observed in the 
concentration ranges of 1 to 10 μg/mL and 10 to 100 μg/mL for BSAFITC and lysozyme-FITC 
respectively. Each experiment (hydrogels as well as controls) was done in quadruplicate, with 
reported errors representing the standard deviation of the replicates.  

 

Precursor Polymer Cytotoxicity. Cell cytotoxicity of the charged POEGMA precursor polymers 
was evaluated using a rezasurin assay with varying exposure concentrations to 3T3 mouse 
fibroblasts. Briefly, 3T3 mouse fibroblasts were plated at a density of 10 000 cells/ well in a 96 
well polystyrene tissue culture plate. The 96 well plates were then incubated for 24 h at 37 °C in 
DMEM supplemented with FBS (10%) and penicillin/streptomycin (1%). After incubation, cells 
were exposed to varying concentrations of charged hydrazide and aldehyde precursor polymer 
ranging from 100 to 1000 μg/mL and the plate was incubated for another 24 h. Cytotoxicity was 
assessed through the addition of 10 μg/mL resazurin reagent. After 2 min of subsequent 



incubation at 37 °C, the fluorescence of each well was measured using a VICTOR 3 multilabel 
microplate reader using an excitation wavelength of 495 nm and an emission wavelength of 535 
nm. Viabilities were determined by subtracting background fluorescence readings (blank well 
with no cells) from each well and then calculating the ratio of the signal intensity of polymer-
exposed cells to untreated cell controls (no polymer exposure) (n = 4).  

Cell Morphology on 2D Hydrogels. The cell morphology of mouse 3T3 fibroblasts was assessed 
on the surface of the charged POEGMA hydrogels. Hydrogels were directly extruded into each 
well of a 48-well plate (100 μL of each sterilized polymer precursor solution prepared at 150 
mg/mL in 10 mM PBS), leaving the gel overnight to ensure complete gelation. Gels were then 
incubated at 37 °C in 600 μL of sterilized 10 mM PBS and allowed to equilibrate for 24 h prior 
to cell plating to ensure equilibrium swelling was achieved prior to cell plating. The PBS was 
then removed, and gels were washed with DMEM culture media prior to cell addition. Cells 
were plated on top of the hydrogels at a density of 1.0 × 104 cells per well together with 600 μL 
of DMEM and incubated for 48 h at 37 °C. After the incubation period, a LIVE/DEAD assay 
was conducted to visualize cells using microscopy and quantify adhesion. Each well was washed 
three times with sterile 10 mM PBS to remove any nonadherent cells from the gels before 
staining. Fluorescent live cells were imaged for morphological characterization and counted 
using a Zeiss Axiovert 200 M fluorescence/live cell imaging microscope, using ImageJ for image 
analysis. All experiments were conducted in quadruplicate, with multiple images (n = 4) taken 
per well for analysis; error ranges report represent the standard deviation associated with the total 
cell counts (across the multiple images taken per replicate) in the replicate measurements.  

In Vivo Subcutaneous Injections. All animals received care that complied with protocols 
approved by the Animal Research Ethics Board at McMaster University and the guidelines of the 
Canadian Council on Animal Care. The in vivo response of the injectable charged hydrogels was 
assessed histopathologically following subcutaneous injection of the charged hydrogels using 
autoclaved double barrel syringes into male BALB/c mice (Charles River, Montreal; 22− 24 g 
weight). Precursor polymer solutions (75 mg/mL) were filtered using a 0.2 mm syringe filter, 
loaded into an autoclaved double barrel syringe under aseptic conditions, and injected 
subcutaneously in the scruff of the neck at a volume of 0.3 mL total gel volume/mouse. Mice 
were anesthetized using isoflurane prior to injection to ensure reproducible injection sites and 
substantial gelation prior to mouse movement. Following visual tracking of mouse behavior and 
health during the experiment, animals were euthanized by carbon dioxide asphyxiation after 
acute (2 days) and chronic (30 days) time points. Tissue samples from around the injection site 
were recovered, fixed in formalin, and stained with eosin and hematoxylin. Inflammatory 
responses to the hydrogels were assessed using two methods: (1) local leukocyte concentrations 
adjacent to the hydrogel (indicative of material-induced inflammation) were determined through 
ImageJ analysis (n = 4 for every material tested, 4 images analyzed per mouse); and (2) a 
histological scoring system was used to semiquantitatively describe the intensity of 
inflammation, where 0 = normal, 1 = no acute/chronic inflammation other than macrophages 
prior to fat and other subcutaneous tissue, 2 = inflammation without necrosis, 3 = focal 
inflammation with some necrosis, 4 = widespread inflammation with significant necrosis, 5 = 
massive inflammation.  

ARPE-19 3D Cell Encapsulation. Human retinal cells (ARPE-19) at passage 8 were rinsed with 



PBS, detached from the plate surface with TrypLE Express Enzyme (TypLE, ThermoFisher 
Scientific), resuspended in complete DMEM-F12 media, and centrifuged to pelletize the cells. 
Supernatant media was carefully removed, and pelleted cells were resuspended directly in the 
hydrazide-containing PO10H30 and PO10H30D20 precursor polymers at a concentration of 2.5 × 106 

cells/mL. In advance, 15 μL of the corresponding aldehydecontaining PO10A30, and PO10A30C20 
precursor polymers was aliquoted to individual wells on coverslip bottom, 96-well plates. 
Aliquots (15 μL) of the hydrazide PO10H30 and PO10H30D20 precursor suspensions containing 
ARPE-19 cells were then added to the complementary aldehyde polymer-containing wells and 
rapidly mixed via pipet aspiration. ARPE-19 cells were identically resuspended in 15 μL of 
Geltrex LDEV-Free Reduced Growth Factor Basement Membrane Matrix (Geltrex, 
ThermoFisher Scientific) and aliquoted to wells containing 15 μL of Geltrex to serve as a control 
with the same overall cell number. Both the test and control gels were allowed to gel for 2 h at 
37 °C. Following, 120 μL of DMEM containing 10% FBS and 1% penicillin streptomycin was 
placed on top of each gel and the gels were incubated for up to 2 weeks to track cell viability, 
with media replaced every 2−3 days. Cell morphology and viability was measured via confocal 
microscopy (Nikon Eclipse Ti), with image processing conducted using NIS Elements and 
ImageJ. A z-stack depth of 200 μm was scanned for each sample. Cells were fluorescently 
labeled using a live/dead assay by removing the media and adding 50 μL of live−dead solution 
consisting of 2 μM calcein AM (calcein, Sigma-Aldrich) and 4 μM ethidium homodimer-1 
(EthD-1, Sigma-Aldrich) in PBS. Cells were incubated for 30 min prior to imaging. Quantitative 
live cell numbers were determined using a VICTOR 3 multilabel microplate reader and reading 
the fluorescence using an excitation wavelength of 495 nm and an emission wavelength of 535 
nm. Fluorescence intensities in relative fluorescence units were determined by subtracting 
background fluorescence readings (blank gel with no cells) from each well (n = 6).  

 

RESULTS 

Synthesis. Charged poly(oligoethylene glycol methacrylate) (POEGMA) hydrogel 
precursors were synthesized via chain transfer agent-mediated free radical 
copolymerization of oligoethylene glycol methacrylate monomers with varying ethylene 
glycol side chain lengths (n). Each multiresponsive prepolymer was prepared by 
copolymerizing one functional monomer to allow covalent cross-linking via hydrazide/ 
aldehyde chemistry and another functional monomer to impart charge into the polymer 
(AA for anionic precursor polymers or DMAEMA for cationic precursor polymers) 
(Scheme 1). The 90:10 monomer ratio between diethylene glycol methacrylate 
(M(EO)2MA, n = 2) and oligoethylene glycol methacrylate (OEGMA475 n = 8−9) used to 
prepare all precursor polymers was selected to produce (unfunctionalized) POEGMA 
polymers with a target LCST similar to PNIPAM (∼32 °C), providing the desired 
thermosensitivity in the resulting copolymers. Each hydrazide POxHyCz and POxAyDz 
precursor reported in this paper was functionalized with a targeted y = 30 mol % 
functional hydrazide or aldehyde functional groups (such that the theoretical cross-link 
density in each hydrogel formed is equivalent regardless of how the different precursor 



polymers are mixed) and, where present, z = 20 mol % charged monomer. 
Conductometric titration confirms ∼20 mol % charged monomer content in both 
PO10H30C20 and PO10A30D20 as well as ∼30 mol % hydrazide functionalization in both 
PO10H30 and PO10H30C20 (Table 1); however, the actual aldehyde incorporation into both 
PO10A30 and PO10A30D20 was slightly lower than the stoichiometric expectation at 
∼22−24 mol %, a result we attribute to lower potential incorporation of acetal monomer 
during copolymerization. However, despite this lower aldehyde functionalization, the 
similar degree of functionalization of both aldehyde-functionalized precursors means that 
the potential for cross-link formation is the same between any pair of precursor polymers 
tested. As such, the hydrogels formed from these precursors polymers are expected to be 
chemically equivalent aside from the incorporation or exclusion of charged monomers. 
The number-average molecular weight (Mn) of the polymer precursors is also consistent 
between the different precursors and is controlled to be less than 20 × 103 g/mol (Table 
1), well below the renal clearance limit of 40−50 × 103 g/mol to facilitate polymer 
elimination following gel degradation.  

 

 

Physiochemical Properties. Hydrogels were prepared by coextruding binary combinations 
of hydrazide-functionalized (POH/POHC) and aldehyde-functionalized (POA/POAD) 
precursor polymers dissolved at 75 mg/mL in 10 mM PBS using a double barrel syringe 
to form neutral, cationic, amphoteric and anionically charged gels (Table 2). All binary 
combinations of precursor polymers gelled rapidly, between <5 to 45 s (Table 2). The 
effect of charge was significantly different depending on the type and combination of 
charged precursor polymers used. Cationic hydrogels prepared with a cationic hydrazide 
precursor and a neutral aldehyde precursor exhibited slower gelation times than the 
neutral networks with the same backbone composition, a result anticipated based on the 
electrostatic repulsion between the cationic DMAEMA residues of adjacent precursor 
polymers. On the other hand, amphoteric hydrogels consisting of a mixture of cationic 
hydrazide precursor polymer and anionic aldehyde precursor polymer gelled significantly 
faster than the neutral combination, consistent with ionic attractions as well as covalent 
gelation driving interpolymer interactions in this system. Interestingly, hydrogels 
prepared with a neutral hydrazide precursor and an anionic aldehyde precursor gelled 



significantly faster than the neutral combination, on par with the amphoteric formulation 
that is aided by electrostatic interactions.  

 

The effect of charge on hydrogel swelling was quantified at 37 °C in buffers of 10 mM 
pH 3 (citrate), pH 7.4 (phosphate) and pH 10 (carbonate) over a time period of 30 h 
(Figure 1); these pH values were chosen based on the pKa values of both charged 
comonomers (AA pKa = 4.3, DMAEMA pKa = 8.5) such that only the cationic 
comonomer would be charged (pH 3), only the anionic monomer would be charged (pH 
10), and both monomers would be charged (physiological pH 7.4). At pH 3 (Figure 1A), 
the cationic and amphoteric gels swell relative to their prepared state, the former due to 
ionization and the latter due to effective de-cross-linking of the ionic network as the AA 
residues are protonated; in contrast, the neutral gel deswells slightly (attributable to the 
slightly higher ionic strength at pH 3) and the anionic gel collapses as − COOH groups 
are protonated and hydrogen bonding interactions with residual hydrazide groups are 
promoted. At pH 10, the anionic gel swells due to −COOH ionization, whereas the 
amphoteric gel also swells again due to disruption of the ionically crosslinked network 
(here, following DMAEMA deprotonation, leaving only anionic charged groups); the 
neutral gel remains near its initial volume while the cationic gel deswells slightly due to 
enhanced hydrogen bonding following functional group neutralization. Intermediate 
swelling behaviors were observed at pH 7.4, with the amphoteric gel shrinking the most 
over time consistent with the development of an ionically cross-linked secondary network 
in the gel over time. Thus, the swelling profiles confirm the anticipated pH-responsive 
behavior of POEGMA hydrogels prepared with functionalized precursor polymers and 
our capacity to tune the charge type/content of the gels by simple mixing of 
functionalized precursor polymers.  

The effect of charge incorporation on temperature response of the hydrogels was then 
quantified at the same pH values tested for swelling by a stepwise temperature ramp from 
20 to 50 °C at 5 °C intervals, allowing 12 h between temperature steps to ensure that 
equilibrium conditions were reached for each temperature measurement (Figure 2). At pH 
7.4, the characteristic collapse profile of the neutral PO10 gel with a VPTT of ∼32−33 °C 
(similar to NIPAM) is observed; a similar phase transition is observed in the cationic 
PO10-cat hydrogel, given that deprotonation of the cationic groups (pKa ≈ 8.5) is partially 
complete at physiological pH and the effective charge density on the gel is lower. 
However, the fully ionized anionic gel (ionic repulsion and higher bound water content) 
and the amphoteric gel (ionic cross-linking) both undergo much slower and less extreme 
phase transitions, consistent with observations on conventional charged hydrogels.47 At 
pH 3, the hydrazone bond is labile over ∼96 h course of the full temperature ramp, 
leading to effective gel degradation in the cationic and amphoteric gels (both of which are 



more swollen and thus accessible to acid degradation at pH 3, Figure 1A) as the 
temperature is ramped. This result is consistent with the accelerated 0.1 M HCl 
degradation results (Figure 3), which indicate rapid swelling and subsequent degradation 
over time for the cationic and amphoteric gels but rapid collapse followed by extremely 
slow degradation of the collapsed network for the anionic and neutral gels. Alternately, at 
pH 10, the ester bond linking the ethylene oxide side chain to the methacrylate backbone 
in each gel tested is labile over the same time frame (Figure S3); consequently, the 
volume phase transition is suppressed in each gel tested due to the generation of ionized 
methacrylate residues on the backbone polymer as degradation occurs.  

 

 

The rheological properties of the charged POEGMA gels are shown in Figure 4. The 
plateau elastic storage modulus (Gʹ) increases with the incorporation of charge, with both 
cationic (∼1160 ± 160 Pa) and anionic (∼1650 ± 360 Pa) gels exhibiting higher elasticity 
relative to hydrogels prepared without charge (∼820 ± 140 Pa). This result is consistent 
with an increase in bound water within the charged hydrogels, with the higher effective 
charge density in the anionic gel relative to the cationic gel at pH 7.4 resulting in a 
slightly higher enhancement in the anionic gel modulus. However, in the dual 
ionic−covalent cross-linked amphoteric gel, the contribution of the second electrostatic 
network results in a significant increase in the shear storage modulus (∼2820 ± 370 Pa), 
an ∼3.5-fold increase in Gʹ compared to the neutral gel consistent with the presence of 



dual cross-linking.  

 

In Vitro Cytocompatibility. To assess the biological potential of these hydrogels, the 
cytocompatibility of the charged polymer precursors was first assessed using a rezasurin 
cell viability reagent assay on 3T3 mouse fibroblasts to ensure the precursor polymers 
themselves did not negatively impact cells (Figure 5). Neither the cationic nor anionic 
precursor polymers (which also represent the degradation products posthydrolysis) 
showed any cytotoxicity at concentrations up to 1000 μg/mL, analogous to the 
noncharged control precursor polymers. This result is important since cationic polymers 
in particular often exhibit cytotoxicity, particularly at the relatively high polymer 
concentrations tested in Figure 5; this is not problematic in the cationic POEGMA 
polymers.  

 

In Vitro Protein Affinity. To assess the inflammatory potential of charged POEGMA 
hydrogels, the affinity between the charged hydrogels and proteins was assessed through 
two separate assays. First, protein absorption within the hydrogel was measured by fully 
immersing templated bulk cylindrical gels (surface area:volume ratio = 0.8:1) in a BSA 
solution and, without rinsing, removing the hydrogels and measuring the residual BSA 
content in solution (Table 3). In this case, protein uptake into the charged gels is 
uniformly higher than the corresponding neutral gel, with the cationic gel exhibiting 
higher uptake than the anionic gel (consistent with the net anionic charge of BSA at 
physiological pH) and the amphoteric gel exhibiting highest uptake (consistent with the 
effective total charge density in the amphoteric gel being double the other two charged 
hydrogels, Table 2). Thus, from an absorption perspective, the charged POEGMA 
hydrogels behave similarly to previously reported charged gels in which the presence of 



more charge enhances protein uptake.  

 

Following, a protein adsorption experiment was performed on thin film hydrogels 
constrained within a 96-well plate (surface area:volume ratio 1.8:1) (Figure 6). Both 
lysozyme and BSA were tested at various concentrations, with 15 sequential PBS rinses 
performed to remove any absorbed or weakly bound protein prior to assaying the residual 
gel fluorescence. As such, this assay was designed to probe the interfacial interactions 
between the gels and proteins, which are more critical to predicting inflammatory 
potential.48 Typically, introducing charge (and particularly cationic charge) significantly 
increases the amount of protein deposition on a biomaterial surface due to electrostatic 
interactions with either the net charge or local charged domains of proteins. For BSA (66 
kDa, pI ≈ 4.8), the cationic gel adsorbs slightly more protein than the neutral gels, 
consistent with expectations; however, both the anionic and amphoteric gels adsorb less 
protein than even the neutral POEGMA gel. For lysozyme, (14 kDa, pI ≈ 11.3), protein 
adsorption is similar between all hydrogels tested irrespective of charge, despite net 
charge attraction between lysozyme and the anionic gel. Thus, very low protein 
adsorption is maintained regardless of incorporation of even 10 mol % charge in the 
hydrogels. This result is consistent with the brushlike PEG side-chains tethered on the 
POEGMA backbone assisting in masking the charges located closer to the backbone to 
maintain very low protein adsorption in all cases. This is also consistent with the very 
low cytotoxicity of the cationic precursor polymer measured (Figure 5) and represents a 
potential advantage of these injectable POEGMA materials in that a large fraction of 
charges can be introduced to affect other gel properties (e.g., swelling, 
thermoresponsivity, mechanics, etc.) without significantly affecting protein adsorption.  

 

In Vitro Cell Adhesion. To assess the impact of introducing charge on the capacity of 
cells to adhere to the hydrogels, cell adhesion of 3T3 mouse fibroblasts was assessed 
following the plating of 10 000 cells/well on top of the same thin film hydrogel samples 
used for the protein adsorption tests (Figure 7).  



Significantly more cells adhered to all of the charged hydrogels (Figure 7B−D) relative to 
the neutral (uncharged) PO10 hydrogel (Figure 7A). This result indicates that charge 
promotes cell adhesion to otherwise highly cell-repellent POEGMA hydrogels without 
the need to incorporate additional bioadhesive functional groups. The PO10-cat cationic 
hydrogel (Figure 7B) shows particularly high cell adhesion consistent with the 
electrostatic attraction induced between the 3T3 cells and the hydrogel interface; indeed, 
the total fluorescence (related to number of live cells counted) on PO10-cat is only ∼20% 
lower than that of the tissue culture polystyrene control (Figure 7E), albeit with 
significantly higher cell clumping observed indicative of weaker cell electrostatic 
interactions instead of stronger binding interactions that can promote more focal 
adhesions with the gel interface.49,50 Thus, charged POEGMA hydrogels can support the 
adhesion and proliferation of viable cells despite the low nonspecific protein binding 
observed to these materials (Figure 6).  

 

Subcutaneous in Vivo Tissue Compatibility. To assess the tissue compatibility of the 
charged POEGMA hydrogels in vivo, subcutaneous injections of the PO10, PO10-cat, 
PO10-amp and PO10-an hydrogels were performed using BALB/c mice (Figure 8). Each 
binary combination rapidly (<1 min) formed a hydrogel when injected, consistent with in 
vitro observations, and no obvious signs of skin irritation were noted in any of the mice 
injected. Injection of the PO10, PO10-cat, PO10-amp and PO10-an hydrogels resulted in 
moderate infiltration of leukocytes to the hydrogel-tissue interface at the acute (2 day) 
time point, with both the anionic (490 ± 220 cells mm−2) and in particular the amphoteric 
(450 ± 180 cells mm−2) gels exhibiting comparable inflammatory responses to the neutral 
PO10 gel (∼500 cells mm−2). The cationic PO10-cat gel showed a substantially higher 
presence of polymorphonuclear cells (1200 ± 180 cells mm−2) then all other gels, 
indicating stronger acute inflammation consistent with the higher BSA adsorption 
observed (Figure 6A). From histological scoring, all gels exhibited at least localized 



inflammatory responses inducing limited cell necrosis (Table 4; see scoring system in 
Experimental Section).  

 

 

However, no significant difference in score was observed between PO10-cat and the other 
gels, indicating that the higher number of leukocytes present does not induce a significant 
difference in tissue morphology.  

At the chronic time point (30 days), all gels persisted in the subcutaneous space but 
showed evidence of at least some degradation, with cells penetrating between segments 
of gel in all cases. Only the neutral PO10 gel (which appears to be degrading most slowly 
of the tested gels) showed a considerable decrease in leukocytic concentration, with the 
polymorphonuclear cell density dropping to ∼75 cells mm−2 compared to PO10-amp (380 
± 170 cells mm−2) and PO10-an hydrogels (330 ± 100 cells mm−2). This difference is 
likely related is attributable to the different degradation rates of these gels, leading to 
different concentrations of leukocytes over time. Of note, the cationic PO10-cat gel shows 
a similar leukocyte density at the chronic time point relative to the other charged gels 
(360 ± 90 cells mm−2), suggesting that the larger acute inflammation observed resolves at 
the chronic time point despite the continuing presence (and degradation) of the cationic 



hydrogel. Thus, while the cationic PO10-cat gel induces higher acute inflammation, the 
chronic inflammatory response remains mild; this result is significant based on the large 
inflammatory responses often observed with cationic biomaterials.51 This significant 
resolution of an inflammatory response is further confirmed through histological scoring, 
in which scores of 1 (PO10, PO10-cat, and PO10-an, indicating no inflammation aside from a 
few macrophages due to ongoing gel degradation) or at most 2 (PO10-A, indicative of a 
macrophage response associated with gel degradation but no cell necrosis) were 
observed. It should also be emphasized that no clear evidence of fibrosis (or “walling off” 
of the gels) is observed for any of the injected gels after 30 days, significant for the 
potential use of these materials for controlled release applications for either cells or 
therapeutics. Furthermore, there is clear evidence of gel degradation in each chronic 
histology image presented, with the presence of charge (and in particular cationic charge) 
appearing to accelerate the breakup of the bulk gel into fragments surrounded by 
degrading inflammatory cells. This result confirms the degradability of these materials in 
vivo, with the rate of degradation observed optionally engineered by the density of 
reactive hydrazide/ aldehyde functional groups and the concentration of the precursor 
polymers injected.28  

3D Cell Encapsulation. Given the demonstrated potential of these charged POEGMA gels 
as injectable biomaterials, we next investigated the potential of leveraging both the 
thermoresponsivity and the charge of the hydrogels for creating delivery vehicles for 
human retinal pigment epithelial cells (ARPE-19) that are injectable, degradable, and do 
not require the inclusion of bioadhesive biomolecules to support cell adhesion or 
proliferation. ARPE-19 cells were coextruded with the charged and neutral POEGMA gel 
precursor polymers at a concentration of 2.5 × 106 cells/mL; cell viability and 
morphology was tracked over 15 days and compared to a commercially available Geltrex 
hydrogel that consists of natural extracellular matrix components (laminin, collagen IV, 
entactin, and heparin sulfate) and has been previously used for retinal cell delivery to the 
back of the eye.45 All of the POEGMA-based hydrogels tested could support and 
maintain cell viability over the full 15-day test period, with the cells remaining relatively 
isolated within the matrix; this is desirable for cell transplantation applications in the 
retina, as large aggregations of retinal cells during bolus injection lead to high cell death 
due to nutrient and oxygen suffocation and limited integration into native tissues.52 In 
contrast, the Geltrex matrix induced significant clumping of ARPE-19 cells less desirable 
for cell delivery applications. Plate coverage measurements on live cell fluorescence 
indicated less proliferation inside the POEGMA gels relative to the Geltrex matrix 
(Figure 9J); however, the Geltrex matrix fully degraded after 15 days, whereas the 
POEGMA matrices can still support viable and largely isolated cells.  

The benefits of charge incorporation are also observed by comparing the performance of 
the neutral PO10 hydrogel to the charged gels. PO10 gels (which show minimal 2D cell 
adhesion, Figure 7) show a slight decrease in viable cell count between days 3 and 15 as 



well as more dead (red) cells in the matrix over time (Figure 9B). In contrast, all the 
charged hydrogels support cell proliferation within the matrix over the same time period 
(Figure 9J). Although the number of cells supported is highest in the cationic PO10-cat gel 
at all time points (Figure 9C, D), both the anionic PO10-an and, in particular, the 
amphoteric PO10-A gels minimize the number of dead cells and cell clumping observed 
after 15 days (Figures 9F, H). This trend is also reflected in fluorescence intensity 
measurements between days 1 and 3 (Figure 10), in which the anionic and amphoteric 
gels maintain highest cell viability immediately following the delivery process (i.e., at 
day 1) but support slower cell proliferation; the amphoteric gel in particular maintains 
highest cell viability at day 1 but supports only minimal cell expansion over following 14 
days. This result is consistent with the amphoteric hydrogel having the highest internal 
cross-linking density among all gels (Figure 4) due to the dual covalent/ionic cross-
linking present, resulting in the most mechanical resistance for cell proliferation. The 
improved capacity of charged hydrogels to support cell adhesion is likely attributable to a 
combination of direct cell-matrix electrostatic interactions (for hydrogels containing 
cationic charges only),43 chargeinduced triggering of the production of more adhesive 
extracellular matrix protein by the cells themselves,43,53 and/ or charge-based recruitment 
of proteins from serum to the hydrogel surface54 (although, based on the protein 
adsorption results in Figure 6, this latter factor is likely a minor contributor). However, 
the exact mechanism of this adhesion enhancement is a subject for future investigation. 
As such, although all charged POEGMA gels offer promise relative to existing (more 
expensive and more difficult to purify) options as injectable delivery matrices for retinal 
epithelial cells, the nature of the charge present can alter the cell response between 
maintenance and proliferation within the matrix.  



 

 

DISCUSSION 

The combination of a thermoresponsive polymer backbone with cationic and/or anionic 
groups that can be switched on or off as a function of pH leads to an injectable hydrogel 
formulation with a series of highly tunable properties under different environmental 



conditions. All formulations gelled in less than 1 min following coextrusion from a 
double barrel syringe and formed coherent gels that did not undergo syneresis as gelation 
proceeded. Uncharged PO10 hydrogels showed characteristic thermoresponsive swelling 
and interfacial responses, while the inclusion of a single type of ionizable functional 
groups shifts the hydrophilic/hydrophobic balance back to a more hydrophilic state, 
driving significant positive swelling effects in the case of single charge hydrogels that 
also facilitate accelerated degradation kinetics. Alternately, amphoteric hydrogels in 
which both anionic and cationic charges are present facilitate the creation of a secondary 
ionically crosslinked network, resulting in an effectively dual-cross-linked hydrogel that 
swells less (Figure 1) and has significantly higher modulus values (Figure 4). Of note, 
anionically functionalized hydrogels also exhibited somewhat faster gelation (Table 2), 
stronger mechanics (Figure 4), and slower degradation (similar to the amphoteric 
hydrogels that have a well-defined secondary networking structure, Figure 3) than the 
other tested hydrogels, suggesting the presence of an additional networking driving force 
in these materials. Although hydrogen bonding between lone pair-donating ethers in the 
ethylene oxide repeat units in the OEGMA side-chains and the lone pair accepting 
carboxylic acid groups of acrylic acid residues on the anionic POEGMA polymers is the 
most likely reason for these results,55 elucidating the exact nature of this interaction 
requires further study.  

The varying physicochemical and mechanical properties achieved via the incorporation 
of charge in thermoresponsive polymer precursors can subsequently be leveraged to 
engineer cell and tissue responses to these hydrogels. Inclusion of cationic, amphoteric 
and/or anionic charge within the POEGMA hydrogels significantly increases cell 
adhesion of 3T3 fibroblast cells to the matrix relative to neutral hydrogel controls (Figure 
7), facilitating cell adhesion without the need for using RGD or other adhesive peptides 
while still exhibiting low nonspecific protein adsorption relative to other biomaterials or 
even neutral POEGMA gels (Figure 6). The chronic inflammatory response of each of the 
hydrogels was mild, even though the gels were continuously degrading to release the 
functional polymer precursors at the one month chronic time point tested (Figure 8). 
Furthermore, the successful encapsulation (and later proliferation) of ARPE-19 cells by 
injection within the charged POEGMA gels (Figure 9) suggests the benefits of this 
combination of relatively low nonspecific protein adsorption and charge in an injectable 
cell delivery vehicle, with the charged gels supporting higher cell viabilities and 
proliferation (albeit to different degrees based on the network structure) compared to 
neutral POEGMA gels and better suspension of the cells relative to the Geltrex control. 
Given that cell adhesion via integrin binding can induce specific biological triggers for 
cells to differentiate56 and/or otherwise alter internal cytoplasmic signaling,57 achieving 
cell adhesion without invoking integrin pathways may be beneficial in certain 
applications like retinal cell delivery in which avoiding integrin mediated responses 
(here, cell spreading to form cell clumps observed in Geltrex) is undesirable.”  

Thus, manipulation of hydrogel charge to effect favorable application-based properties 



can be conducted without compromising the compatibility of the materials in vivo. Of 
note, given that these POEGMA hydrogels can be fabricated by simple mixing, the 
charge density of the hydrogels can be easily adjusted by mixing neutral and charged 
precursor polymers of the same functionality (i.e., hydrazide or aldehyde) in the 
appropriate barrel of the double barrel syringe, a modular design enabling rapid tuning of 
gel properties ideal for screening gel responses in specific applications. In particular,  

the pH-responsive charge densities and swelling properties presented are highly 
consistent with those of existing pHresponsive hydrogels used in site-specific (e.g., 
stomach or colon) or disease-specific (e.g., infection site targeting) drug delivery 
applications, many of which are not injectable (or at least are much less easy to inject). 
As such, the injectable, degradable, and charge-controlled hydrogels described herein 
may offer significant benefits in a broader biomedical context.  

CONCLUSIONS 

Dual-temperature and pH-responsive POEGMA hydrogels offer both physicochemical 
benefits in terms of highly tunable swelling, degradation, and rheological properties as 
well as biological benefits in terms of maintaining low nonspecific protein adhesion and 
promoting both cell adhesion and proliferation. In particular, manipulating the hydrogel 
charge can significantly improve both the 2D cell adhesive potential of 3T3 mouse 
fibroblasts and the 3D stabilization and proliferative potential of ARPE-19 human retinal 
epithelial cells without the need for cell adhesive ligands. Furthermore, the brush 
structure of POEGMA suppresses both nonspecific protein adsorption and chronic 
inflammatory responses to the charged hydrogels relative to typical charged hydrogels 
(particularly for the cationic gels). On this basis, we suggest that these hydrogels offer 
significant potential as injectable and degradable matrices for in vivo cell delivery. 
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