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ABSTRACT: Hydrogels have been widely explored for biomedical applications, with 
injectable hydrogels being of particular interest for their ability to precisely deliver drugs 
and cells to targets. Although these hydrogels have demonstrated satisfactory properties 
in many cases, challenges still remain for commercialization. In this paper, we describe a 
simple injectable hydrogel based on poly(ethylene glycol) (PEG) and a vitamin E (Ve) 
methacrylate copolymer prepared via simple free radical polymerization and delivered in 
a solution of low molecular weight PEG and Ve as the solvent instead of water. The 
hydrogel formed immediately in an aqueous environment with a controllable gelation 
time. The driving force for gelation is attributed to the self-assembly of hydrophobic Ve 
residues upon exposure to water to form a physically cross-linked polymer network via 
polymer chain rearrangement and subsequent phase separation, a spontaneous process 
with water uptake. The hydrogels can be customized to give the desired water content, 
mechanical strength, and drug release kinetics simply by formulating the PEGMA-co-Ve 
polymer with an appropriate solvent mixture or by varying the molecular weight of the 
polymer. The hydrogels exhibited no significant cytotoxicity in vitro using fibroblasts 
and good tissue compatibility in the eye and when injected subcutaneously. These 
polymers thus have the potential to be used in a variety of applications where injection of 
a drug or cell containing depot would be desirable.  



 

INTRODUCTION  

Hydrogels are physically or chemically cross-linked polymeric networks that are capable 
of retaining large amounts of water or biological fluids1,2 and have been extensively 
explored for cell and drug delivery in a variety of applications.3,4 Conventionally, 
hydrogels utilized as biomaterials are prepared ex vivo and surgically implanted at their 
site of action. Given the invasiveness of this approach, there has been a great deal of 
interest in the development of hydrogel materials that can be injected as a liquid and then 
gel in situ.4−7 Such in situ gelling injectable hydrogels have significant benefits in terms 
of practical clinical applicability, as these materials have the potential to allow for precise 
delivery of cells or drug without invasive surgery, reducing the risk of infection, 
minimizing trauma to the surrounding tissue and organs, and alleviating pain.7,8  

As suggested by the name, for a hydrogel to be injectable, precursors should be in liquid 
form, preferentially with low viscosity. Furthermore, practically, the solid hydrogel 
should be formed rapidly following injection into the target tissue, allowing the hydrogel 
to act as a drug or cell depot that can slowly release its payload.4,8 The challenge of 
making a practical injectable hydrogel delivery system is thus to design a polymer 
solution that can respond to environmental stimuli and/or form covalent bonds upon 
injection rapidly and with controllable gelation kinetics without creating back-pressure at 
the site of injection.8 In general, in situ gelation is driven either by chemical reaction or 
physical interaction.7,9 Chemical crosslinking can occur by such mechanisms as click 
chemistry,8,10−12 disulfide-cross-linking,13 Michael addition,14−16 and photocross-
linking,17−19 among other reactions.7,20−22 For most chemically cross-linked hydrogels, 
regardless of the biocompatibility of the polymers used, concerns often still remain 
regarding the potential toxicity of any residual reactive functional groups as well as the 
potential for side reactions with biomacromolecules in vivo with many commonly used 
chemistries.23,24 Alternatively, polymeric hydrogels can physically cross-link upon 
exposure to stimuli from the environment such as temperature and pH.7,11,25−34 Although 
these stimuli sensitive hydrogels are believed to be less toxic,24 deficiencies remain. 
Specifically, depending on the formulation, controlling the gelation rate,34 the 
mechanics,11 and the degradation35,36 of such hydrogels can be highly challenging, 



particularly while avoiding the use of very high polymer concentrations.37 Thus, there are 
only a few hydrogels available that have been Flamel’s Medusa).38−40  

For expediency in pharmaceutical applications, FDA approved chemical compounds are 
the best candidates for use in polymer design.32 Poly(ethylene glycol) (PEG) is an FDA-
approved and commercially available synthetic polymer that has been widely used in 
medical applications for its low cytotoxicity, low immunogenicity, and protein repellent 
properties.8,41 Vitamin E (Ve) plays an important role as a factor for scavenging free 
radicals, as well as acting as an antiinflammatory and an antithrombolytic.42−44 Ve and its 
derivatives (e.g., TPGS, vitamin E polyethylene glycolsuccinate) have been used in drug 
delivery applications due to their capacity to solubilize various hydrophobic drugs and 
their often synergistic enhancement to the delivery efficiency.45−47  

In this paper, we describe a simple injectable hydrogel based on PEG and Ve. The 
PEGMA-co-Ve polymer was synthesized under mild conditions via free radical 
polymerization of PEG methacrylate and methacrylated Ve. By using low molecular 
weight PEG with Ve as the solvent instead of using water (a “solvent” system particularly 
effective for loading hydrophobic drugs), gelation can be triggered by the presence of 
water over a wide range of temperature and pH. The driving force for gelation is 
attributed to water-induced polymer chain rearrangement and self-association of 
hydrophobic Ve segments to form physical cross-links, a process that occurs 
spontaneously upon water uptake by the hydrogel precursor; to the best of our 
knowledge, such a process has not yet been reported as a mechanism for in situ gelation. 
We demonstrate this aqueousdriven gelation process occurs consistently both in vitro and 
in vivo, and that the gelation time can be tuned by altering the molecular weight of 
copolymer, and weight ratio of Ve used as “solvent”. Also, these hydrogels have 
customizable water contents, mechanical strengths, and drug release kinetics facilitated 
simply through formulating the PEGMA-co-Ve polymer with different solvent (Ve and 
PEG) combinations or varying the molecular weight of the polymer. Cytocompatibility 
and in vivo tissue compatibility also indicated high tolerability of the formulations in 
multiple biological environments, suggesting the potential for using this approach for the 
formation of practical in situ-gelling materials.  

EXPERIMENTAL SECTION  

Materials. Vitamin E ((+)-δ-Tocopherol), poly(ethylene glycol) methyl ether methyl acrylate 
(PEGMA, Mw ∼ 960 g/mol), poly(ethylene glycol) (PEG, Mw ∼ 300 g/mol), methacryloyl 
chloride, benzoyl peroxide (BPO), inhibitor remover, methylthiazolyldiphenyl-tetrazolium 
bromide (MTT reagent), calcein AM, ethidum homodimer-1, atropine, and atropine sulfate salt 
monohydrate were purchased from Sigma-Aldrich. All solvents were purchased from Caledon 
Laboratories and used as received.  



Chemistry. Synthesis of Methacrylated Vitamin E. A methacrylated Ve monomer was 
synthesized from methacryloyl chloride (0.324 g, 3.13 mmol, 1.25 equiv) and Ve (1 g, 2.5 mmol, 
1 equiv). The methacrylol chloride was added dropwise into Ve in a tetrahydrofuran (THF, 15 
mL) and triethylamine, (0.632 g, 6.26 mmol, 3 equiv) solution. The reaction was performed 
under nitrogen and was initially kept in a 0 °C ice bath for 4 h followed by room temperature for 
additional 18 h. After the reaction, the resultant salt (triethylamine hydrochloride) was removed 
by filtration. The solvent was then evaporated to give the crude methacrylated Ve monomer. This 
crude product was redissolved in anhydrous THF (5 mL) to precipitate any salt residues, with the 
process repeated once more for purification. Of additional note, there was methacrylic acid 
existing as by product due to moisture; and it could be removed by running through a silica 
column. Finally, the product was left in a vacuum oven at room temperature for 12 h. The 
methacrylated Ve monomer was stored under nitrogen and away from light.  

Copolymerization of Methacrylated Vitamin E and PEG Methacrylate. For the synthesis of 
PEGMA-co-Ve, methacrylated Ve, PEGMA, and BPO were dissolved in 1,4-dioxane. The 
solution was first purged with nitrogen for 5 min, after which the reaction vessel was sealed and 
placed into an 80 °C oil bath for 24 h. The molecular weight of PEGMA-co-Ve could be 
adjusted by simply varying the amount of initiator (Table 1). After the reaction, the solution was 
first cooled to room temperature and then added dropwise to cold ether (ca. −20 °C, 100 mL) 
under stirring to precipitate and collect PEGMA-co-Ve polymer. This purification was repeated 
once. Finally, the residual solvent in the polymer was removed in a vacuum oven (40 °C, 12 h).  

 

Formulation of Injectable Hydrogel Precursor. The PEGMAco-Ve polymer was formulated with 
low molecular weight (∼300 Da) PEG and Ve to generate the injectable hydrogel precursor 
solution (Table 2). PEGMA-co-Ve polymer, PEG, and Ve were placed in a vial and heated up to 
80 °C until the polymer was melted and miscible with PEG and Ve. The precursor was mixed by 
hand, resulting in a brown but transparent mixture ready for injection either into water or tissue.  



 

Characterization. NMR spectra for methacrylated Ve monomer and PEGMA-co-Ve polymer 
were recorded on a Bruker Avance 600 MHz nuclear magnetic resonance spectrometer using 
deuterated chloroform as the solvent. Spectra were used to determine the ratio of PEG to Ve in 
the copolymer.  

The molecular weight of PEGMA-co-Ve copolymers was characterized by a Polymer 
Laboratories PL-50 GPC (gel permeation chromatograph) using N,N-dimethylformamide (DMF) 
with 50 mM LiBr as the solvent. The GPC was equipped with three Phenomenex Phenogel 
columns (300 × 4.6 mm, 5 μm; pore sizes: 100, 500, 104 Å). The elution rate was set at a 0.3 
mL/min. The system was calibrated with PEG standards with molecular weights ranging from 
600 to 167 000 g/mol. All samples were filtered using a 0.2 μm Teflon filter.  

The morphologies of hydrogels were examined using scanning electron microscopy (SEM). 
Hydrogel samples were freeze-dried and then extracted with cold ether twice at −20 °C for 24 h, 
after which the dried hydrogels were left in a vacuum oven for 2 h. Samples were coated with a 
10 nm coating of gold prior to imaging.  

The mechanical performance of hydrogels immersed in water was tested using a MicroSquisher 
(CellScale Biomaterials Testing, Waterloo, Canada) under compression mode. The cantilevers 
were fabricated using a 558.8 μm gauge cantilever and a square platen. During the test, a 
displacement of 20% was applied per compression. The durations of loading and recovery were 
20 and 40 s, respectively. The compression modulus of a bulk hydrogel (sample thickness = 2.43 
mm, diameter = 12.5 mm) was measured with an ARES rheometer (Texas Instruments) 
operating under parallel-plate geometry with a 20% displacement, as the comparison to 
MicroSquisher.  

The water content of hydrogel was determined by measuring the weight of gel saturated with 
water relative to the weight of gel after drying in a 100 °C oven.  

Cytotoxicity of PEGMA-co-Ve, PEG, and Ve. Murine 3T3 fibroblasts were seeded in 96-well 
plates at a density of 8000 cells per well and cultivated in 100 μL of DMEM growth medium at 



37 °C for 4 h to reach ∼50% confluency. Growth medium was then replaced with 100 μL of fresh 
medium together with PEG (3% of the medium volume), Ve (3% of the medium volume), and 
PEGMA-co-Ve (∼10 mg polymer). Each condition was tested in triplicate. Following a 48 h 
incubation under standard culture conditions (37 °C and 5% CO2), the culture medium was 
replaced with 100 μL Fluorobrite media and 10 μL MTT reagent and incubated at 37 °C for an 
additional 3 h. The Fluorobrite-MTT solution was then removed, and 50 μL DMSO was added to 
dissolve the internalized purple formazan crystals. The absorbance of metabolized products was 
read using a microplate reader (Infinite M200 Pro, Tecan) at 540 nm. Viability results were 
expressed as a percentage of the absorbance of the control cells without any treatment.  

For the live/dead staining, cells were plated and treated as described for the MTT assay. 
Following a 48 h incubation, the cells were observed and culture media removed. Cells were 
washed gently with 100 μL of phosphate buffered saline (PBS) to remove any residual media 
and samples, and 50 μL PBS was added to each well. To three control wells, 100 μL of 70% 
ethanol was added to prepare a dead control. Fluorescent stain solution was prepared at 2 μM 
calcein AM and 4 μM ethidium homodimer-1 (EthD-1) in PBS, after which 50 μL of each stain 
was added to each well. Control wells (containing either live or dead cells) were also treated with 
both calcein AM and EthD-1 or calcein AM and EthD-1 alone. Following a 30 min incubation 
under dark conditions, cells were photographed using the Axiovert 200 fluorescent microscope 
(Zeiss) and assessed using AxioVision microscopy software.  

In Vitro Release of Atropine and Atropine Sulfate. To examine the potential of the PEGMA-co-
Ve hydrogels to deliver drugs, atropine and atropine sulfate were used given their potential 
application in the eye. Given that atropine can be dissolved in Ve, it was added directly to the 
soluble Ve fraction to form a homogeneous solution before formulating the injectable hydrogel 
precursor; by contrast, atropine sulfate can only be dispersed in Ve such that it was added after 
formulating the precursor (to avoid potential issues with the solubility of PEGMA-co-Ve in Ve 
with atropine sulfate premixed). The final formulations of hydrogel precursors and loaded drug 
are shown in Table 3. The drug release tests were performed using a FloatA-Lyzer G2 Dialysis 
Device (MW cut off: 300 kDa) using an inverse geometry, in which the drug-containing gel was 
located outside the membrane and the replaced (sampling) buffer is inside the membrane (Figure 
S1, Supporting Information). For 50P33%PEG45%Ve22%/ Atropine, 76.4 mg of hydrogel precursor 
(containing ∼5 mg Atropine) was injected into a device containing 6 mL Milli-Q water; an 
analogous procedure was used to prepare 50P42%PEG29%Ve29%/ Atropine (66.5 mg gel precursor, 
∼ 5 mg Atropine) and 50P33%PEG45%Ve22%/Atropine sulfate (165.7 mg gel precursor, ∼ 10 mg 
Atropine sulfate). At predefined time points, 1 mL of solution was sampled from inside the 
dialysis bag to monitor drug release, followed by refilling with Milli-Q water to maintain a fixed 
overall volume in the devices at all times. The devices were kept under shaking (circulating in 
horizontal plane, 60 rpm) and sampled at following intervals: 10 min, 30 min, 1 h, 3 h, 6 h, 12 h, 
24 h, 48 h, 73 h, 100 h, 1 week, 2 weeks, and 3 weeks. The amount of drug released was 
quantified using high-performance liquid chromatography (HPLC, Waters, detecting UV 
absorption at 254 nm and using an Atlantis dC18 5 μm 4.6 × 100 mm column, solvent: mixture 
of 60/40 water/acetonitrile, flow rate: 1 mL/min). The data were obtained based on a single 
experiment for each formulation.  



 

In vivo Injections and Histology Analysis. To examine the in vivo toxicity of the materials, 
Sprague−Dawley rats (strain code 400) and C57BL/6 mice (strain code 27) were used. All 
animals were handled according to the principles of the ARVO Statement for the Use of Animals 
in Vision Research as well as the guidelines set out by McMaster AREB and the Canadian 
Council of Animal Care. The eye was chosen as an injection target as it represents an ideal 
location to observe gelation kinetics in vivo, and such materials have the potential to deliver 
drugs for the treatment of various eye conditions. Male Sprague−Dawley rats (∼500 g) were 
injected with 10 to 50 μL of sterile material precursor into the vitreous using a 10-μL 700 series 
Hamilton syringe and a 30 gauge needle. Animals were induced with isofluorane and 
anaesthetized with a ketamine xylazine mixture.  

The injection and in situ gelation process was monitored and recorded using a dissecting 
microscope and the Micron IV fundus camera (Phoenix Research Laboratories). The rats were 
sacrificed 4 h after injection, after which the eyes were enucleated. The eye samples were fixed 
in 4% neutral buffered formalin (NBF) for 24 h, followed by standard histological processing 
and embedding into paraffin wax. Whole eyes were processed into 5 μm sections along the 
sagittal plane. Tissue samples were stained using hematoxylin and eosin (H&E) following 
standard protocols, with the resulting cross sections examined using a conventional light 
microscope (Olympus, BX51).  

The long-term fate of these hydrogel materials was also studied via a subcutaneous injection 
study. Male mice (∼25 g) were injected with 100 μL of 50P42%PEG29%Ve29% precursor solution 
subcutaneously in the flank using a 25 gauge syringe. After 15 days, mice were sacrificed and 
the injection site was explanted. Both cryosectioning and conventional paraffin histology were 
performed in an attempt to preserve the hydrogel, which is miscible in the organic solvents 
needed with wax. In either case, samples were fixed in 4% NBF as above for 24 h, cleared in 
ethanol, then either processed for paraffin embedding or snap-frozen in optimal cutting 
temperature (OCT) compound in a bath of isopentane cooled by liquid nitrogen. Sections were 
created using a microtome or cryostat as required and stained with H&E as above  

 RESULTS AND DISCUSSION  

Synthesis of Methacrylated Ve and PEGMA-co-Ve Polymer. The synthesis of methyl 
acrylated Ve monomer and PEGMA-co-Ve polymer are both straightforward, with each 
requiring only a two-step synthesis using commercially available products (Figure 1). 



Preparation of the methacrylated Ve monomer proceeded via a condensation reaction at 
high yield (>90% conversion). PEGMA-co-Ve polymer was prepared via thermally 
initiated free radical polymerization, which also proceeded to a high yield (∼90%, after 
repeated purification in cold ether). Both the 1H NMR and 13C NMR confirmed that 
PEGMA and methacrylated Ve successfully copolymerized (Figure S3, Supporting 
Information). Results demonstrate that polymer molecular weight control can be achieved 
by adjusting the molar ratio of the initiator to the monomers (Table 1), although as the 
amount of initiator decreases (e.g., between #50 and #100), the relative values of Mz 
versus Mn suggest that the large chains become significantly larger when initiator is 
reduced without significantly shifting the number-average polymer size distribution. The 
molecular weights characterized using GPC did not exactly match the targets (not 
surprised for normal free radical polymerization); however, given the use of linear PEG 
as a calibration standard, such deviations are expected given the significant difference in 
both structure (PEG is a linear polymer while PEGMA is a comb-like polymer) and 
solvation (based both on the different backbones and the presence of Ve segments) 
between the PEGMA-co-Ve and the PEG calibration standard. The monomer ratio 
(PEG/Ve) in the polymer was roughly reflected in the ratio of the monomers in the 
reaction mixture; however, the ratio of PEG to Ve in copolymer increased from 1.27 to 
1.67 with increasing molecular weight despite the feed ratio of PEG to Ve being fixed at 
1:1 (Figure 1, and Figure S3, Supporting Information), suggesting that PEGMA was 
somewhat more kinetically reactive than Ve. Not unexpectedly for standard free radical 
copolymerization, the PEGMA-co-Ve polymers were found to have a large 
polydispersity index (PDI > 2, Table 1). However, it is believed that this high PDI may 
actually help to facilitate aqueous-driven gelation, providing a mixture of lower 
molecular weight polymer (with potential for faster reorientation in water and thus faster 
gelation) and high molecular weight polymers (providing structural support for the 
resulting gel). The use of simple free radical polymerization requires less demanding 
conditions (i.e., lower sensitivity to oxygen, and insensitivity to water) than controlled 
free radical techniques such as RAFT (reversible addition−fragmentation chain transfer) 
and ATRP (atom transfer radical polymerization), making it easier to scale up this 
polymerization for commercial production.  



 

Aqueous-Driven Gelation in Water and Tissue. The gelation of hydrogel precursor can be 
driven by a variety of mechanisms including chemical cross-linking or physical 
crosslinking caused by changes in polymer hydrophobicity.7,9 Conventional physical 
hydrogels cross-linked via hydrophobic interactions are delivered in vivo in aqueous 
solvents, with either the shear thinning capacity of the hydrophobic interactions used to 
temporarily reduce the viscosity and enable injection or a phase transition triggered by 
the physiological environment creating hydrophobically associating groups specifically in 
the body.4−7 By contrast, aqueous-driven gelation of PEGMA-co-Ve polymers is 
hypothesized to proceed via a solvent exchange mechanism, as schematically illustrated 
in Figure 2A. In our injectable hydrogel precursor, low molecular weight PEG and Ve 
were used as solvents instead of water to dissolve PEGMA-co-Ve and the drug, creating 
a solution with minimal driving forces for phase separation. However, upon exposure to 
water, the presence of the PEG solvent in addition to the PEG blocks provide a 
significant osmotic driving force for water uptake, accompanied by reorientation of the 
PEG-rich domains in the polymer to the interface and transport of the highly soluble PEG 
solvent out of the polymer network. Water intake then drives hydrophobic phase 
separation of both the added Ve as well as the Ve blocks on the polymer, forming 
domains within the PEG-based gel phase that serve as physical cross-linking points (i.e., 
Ve grafts anchored by soluble Ve). The gelation process is completed once the osmotic 
pressure inside and outside of the hydrogel reaches equilibrium, as determined by the 
amount and mobility of PEG as well as the amount of free Ve and the density of Ve 
groups grafted to the polymer. As a comparison, blends of PEG and Ve monomers 
(without the two components being copolymerized together as in PEGMA-co-Ve) fully 
phase separated in water, forming neither a gel nor a stable emulsion.  



 

The components of the precursor solution are critical not only for affecting the aqueous-
driven gelation process, but also for giving the hydrogel appropriate physical properties 
including the targeted water contents, mechanical properties, degradation times, and drug 
release kinetics.  

Gelation Time. In the hydrogel precursor solution, PEG and Ve serve not only as a 
solvent for PEGMA-co-Ve but also as osmotic and phase separation materials that 
directly regulate both the speed and extent of gelation. As shown in Figure 2B to D, the 
precursors could transform to particles in suspension or to a gel with the variation of 
composition. Ve is a critical component to this gelation process; as shown in Figure 2B, 
20P43%PEG57%Ve0% (containing PEG and PEGMA-co-Ve but no added Ve) formed 
suspended particles immediately upon injection in water instead of a gel, suggesting that 
there is insufficient hydrophobic content in the precursor solution to form the larger 
hydrophobic domains required for gel formation (resulting instead in self-assembly of 
PEGMA-coVe to form polymeric micelles dispersed in the aqueous phase). Upon 
addition of Ve, the precursors were able to gel in situ as shown in Figure 2C and D, with 
complete gelation observed over times ranging from 5 min (lower polymer molecular 
weight) to 30 min (higher polymer molecular weight). The gelation time is mainly 
determined by factors including the composition of the formulation, the molecular weight 
of the PEGMA-co-Ve (related here primarily to differences in polymer chain mobility), 
and the volume of the precursor solution exposed to water. Given that water diffusion is 
essential for gelation, unlike most injectable hydrogel formulations, smaller volumes will 
gel more quickly; of particular consequence in this study, faster gelation in vivo is 
expected due to the significantly lower sample volumes injected compared to the in vitro 
study (∼1 min required for gelation in eye, video in the Supporting Information; 
compared at 5 min in water in the in vitro study, Figure 2C). Of additional note, if the Ve 



monomer was also purified via a silica gel after preparation to remove possible 
methacrylic acid byproduct, and subsequently used to remake polymer #50; identical 
gelation process occurred, as shown in Figure 2B, indicating this gelation process was 
mainly governed by the rearrangement of PEG and Ve blocks.  

Water Content, Morphology, and Mechanical Performance. The physical properties of 
hydrogel are easily controlled through adjustments to the formulation. As shown in Table 
2, the water content in the gels decreased with a reduction in the amount of low 
molecular weight PEG solvent in the precursor solutions, consistent with an osmotically 
driven mechanism of gelation. Furthermore, increasing the molecular weight of the 
PEGMA-co-Ve polymer reduced the water uptake over the first 12 h, consistent with the 
observed slower gelation times with higher molecular weight formulations; this result can 
be attributed to the higher viscosity and potential for higher hydrophobic cross-link 
formation with such precursor polymers that would limit the swelling of the gels over 
time. Due to the importance of water content on drug release from the hydrogel,7,48 the 
capacity to alter this parameter directly by choice of solvent and/or choice of polymer 
facilitates flexibility in adapting the materials to different applications.  

While it is recognized that SEM on lyophilized hydrogels does not give direct 
information on the pore size in the hydrated state, SEM can give some insight into the 
relative nature of the gelation process associated the chain rearrangement and phase 
separation of PEG and Ve.49−51 As shown in Figure 3, the porosity of the gel decreased 
with the fraction of “solvent” (i.e., low molecular weight PEG and Ve) in the precursor 
solution as well as the water content of the resulting gel, with water content giving the 
clearest impact on gel morphology. For example, while the fraction of solvent (PEG and 
Ve) only decreased by ∼10% moving from 50P33%PEG45%Ve22% to 50P42%PEG29%Ve29% 

(Table 2), the water content was reduced by ∼100% (Table 2) and a marked increase in 
apparent gel density was observed in the SEM images (Figure 3B,C). By contrast, bead-
like structures were prepared in the gel using Ve only as solvent (Figure 3D). The gel 
network structure was also impacted by the molecular weight of PEGMA-co-Ve. Gels 
presented as primarily fibrous in morphology when a lower molecular weight polymer 
was used (Figure 3A), while bicontinuous or twisted structures were primarily observed 
with higher molecular weight polymer (Figure 3B−D).  



 

Control over hydrogel morphology and water content is expected to result in significantly 
different mechanical performance of the hydrogels. Ideally, the mechanics of the gels 
should mimic that of the tissue at the injection site.52,53 The hydrogels prepared covered a 
wide range of moduli varying between 0.005 to 3.5 kPa, (Table 4 and Figures S4 and S5, 
Supporting Information), with higher stiffness achieved by using a higher content of 
PEGMA-co-Ve, a higher amount of Ve, and/or a higher molecular weight of PEGMA-co-
Ve in the formulation. The compression modulus of 50P60%PEG0%Ve40%, the strongest 
gel in this series, demonstrated values in the same order of magnitude, when using the 
MicroSquisher and the rheometer as the characterization method (∼3.5 kPa from 
MicroSquisher, and ∼1.1 kPa from rheometer, respectively, Figures S4 and S5).  

 

As shown in Figure S4 and Table 2, hydrogels made from 50P42%PEG29%Ve29% 
demonstrated the most reversible mechanics over 30 cycles following a small amount of 
hysteresis after cycle one. Either too weak (20P33%PEG45%Ve22%) or too stiff hydrogels 
(50P60%PEG0%Ve40%) experienced more irreversible deformation with continuous 
application of external force, ranging ∼0% up to 8% after 30 cycles depending on the 
formulations (Table 4 and Figure S4). Thus, the viscoelastic response of the hydrogels 
was customizable for potential applications in a variety of tissue types.  



Degradation and Drug Release. As the hydrogels were designed to serve as drug depots, 
the decomposition of the hydrogels is a critical parameter in their application. Hydrogels 
prepared from 50P33%PEG45%Ve22% slowly fractured and degraded over a two months 
period (Figure S6, Supporting Information). These gels first fractured into many small 
pieces after 10 days of shaking under mild conditions (∼120 rpm, 37 °C, Figure S6); 
beyond day 30, a significant number of particles was observed with sizes ranging 
between 100 and 800 nm (Figure S7, Supporting Information), with the hydrogel fully 
visually degraded after two months. This degradation mechanism is consistent with the 
gradual leaching of both PEG and Ve from the matrix driving reduced gelation and 
increasing micellization over time in this polymer, consistent with the observed 
micellization in formulations initially prepared without Ve (Table 2). The period of this 
“degradation” was controllable based on the degree of hydration of the hydrogels; for 
example, hydrogels prepared from 20P33%PEG45%Ve22% that exhibited significantly 
higher water uptake were visually degraded in just 20 days (Figure S8, Supporting 
Information). As such, the rate of gel degradation is mainly determined by water content, 
with higher water content gels dispersing much more rapidly than lower water content 
gels.  

 

Although the hydrogel was demonstrated to disperse over time, the hydrogel must also be 
degradable and excreted from the body for practical in vivo use.54 In our formulation, all 
of the components in the precursors are easily processed by the body. Vitamin E can be 
taken up and metabolized; the low molecular weight PEG can be easily cleared through 
the kidney (threshold: 20−60 kDa).55,56 The PEGMA-co-Ve polymer, depending on its 
molecular weight, could be either excreted through kidney or degraded to low molecular 
weight fractions before excretion. It has been demonstrated that an ester bond such as 
those linking the PEG side chains and Ve to the polymer backbone can be hydrolyzed 
under physiological conditions,57 leaving a water-soluble polymer poly(methacrylic acid) 
degradation product with a molecular weight below kidney threshold (Mw = 2.4−12 kDa).  

Drug release kinetics of a hydrophobic (atropine) and a hydrophilic (atropine sulfate) 
drug from the resulting gels were subsequently assessed. The drug loading (by mass) was 
6.7%, 8.6%, and 6.7% for 50P33%PEG45%Ve22%/Atropine, 50P42%PEG29%Ve29%/Atropine, 
and 50P33%PEG45%Ve22%/Atropine sulfate respectively, assuming quantitative drug 
loading following drug entrapment inside the gel (Table 3). As shown in Figure 4, ∼ 50% 
of loaded atropine was released from the gel within the first 3 days (73 h), followed by 
slow release of the remaining drug thereafter (∼10% over the next 18 days). However, 
only ∼2% of atropine sulfate was released over the first 3 days, with only an additional 
∼1% released over the following 18 days. Sustained release of drug was thus observed for 
both drugs (although to a greater extent for the hydrophilic drug), with the drug release 
profile mainly determined by the solubility of the drug in Ve and PEG (i.e., atropine is 



fully soluble in both, while atropine sulfate is completely insoluble in both). The release 
of drug from the hydrogel may occur through a combination of potential mechanisms: (a) 
concentration gradient-driven diffusion (drug diffuses out simply because the higher 
concentration in gel); (b) convection-induced release (drug trapped in the gel releases 
with the diffusion of PEG or Ve out of the gel, or with the fragmentation of gel); (c) 
micellization release (drug contained in micelles diffuses out of gel as micelles are 
released upon bulk gel reassembling), and (d) release following gel decomposition (drug 
localized in the gel or micelle releases as the polymeric structure around the drug 
degrades, mainly due to ester hydrolysis) (Figure S6B, Supporting Information). 
Therefore, for a Ve-soluble drug (atropine), the release rate was initially fast due to the 
high concentration gradient; after 2 weeks, the release slowed down as the concentration 
gradient was reduced, with additional drug release occurring primarily through 
micellization and later decomposition of polymer (Figure S5B). As a comparison, due to 
the insolubility of atropine sulfate in Ve, the atropine sulfate was suspended instead of 
dissolved in the gel precursor and, following hydration, becomes trapped in suspension 
within the rapidly precipitating Ve-rich phases, forming a physical and solubilization-
related barrier to impede concentration-driven diffusion. Release of the hydrophilic drug 
would thus be very slow, since it relies on much slower micellization and decomposition 
processes (as well as perhaps solubilization processes) that primarily occur outside the 
tested time period for this hydrogel (Figure S6C). Nevertheless, this result is highly 
relevant given that hydrophilic drugs are usually more difficult to deliver over prolonged 
periods of time.  

 

Cytotoxicity of Compositions for Injectable Hydrogel Precursor. Ideally, the hydrogels 
should not elicit any cytotoxic response. Therefore, in vitro compatibility was assessed 
using murine 3T3 fibroblasts. Figure 5 shows cell viability after treatment with low 
molecular weight PEG (1% v/ v to media, Figure 5C), Ve (3% v/v to media, Figure 5D), 
and PEGMA-co-Ve (polymer #20, #50, #100, Figure 5E to G) using both live/dead 
fluorescent cell labeling and MTT assay results (Figure 5H). A total of three replicate 
experiments were conducted per sample. Figure 5A and B represent fluorescent labeling 
of live and dead control cells, respectively. Live cells were labeled with calcein AM and 
fluoresced green, and dead cells were labeled with ethidium homodimer-1 and fluoresced 



red. Although PEG and Ve are generally considered to have very low or no cellular 
toxicity, growth of cells neighboring hydrogels might still be affected by high local 
concentrations. Therefore, high doses of PEG and Ve were applied to study tolerance. For 
cells in media with 1% v/v low molecular weight PEG, cell viability was close to 70% of 
controls, indicating minimal toxicity to the fibroblasts (Figure 5H). Dead cells can detach 
from the surface resulting in blank regions with neither green (live) nor red (dead) cells.58 

As shown in Figure 5C, although certain areas were observed to be blank (Figure 5C), the 
majority of the plate surface was confluent with green (live) cells. Similar cytotoxicity 
was associated with 3% v/v Ve in media, with the surface colonized by predominantly 
with live cells (Figure 5D) and a cell viability of ∼50% (Figure 5H), which also should be 
considered as minimal. It is believed that blank areas, represent primarily cell detachment 
in PEG media (Figure 5C), as PEG is known for promoting poor cell adhesion, but 
primarily cell death in Ve media (Figure 5D), due to physical diffusion barrier of Ve oil 
floating on top of the wells preventing proper nutrient and oxygen exchange. Considering 
the concentration of PEG and Ve in physiological conditions would be significantly 
lower than the tested doses as they slowly diffuse out of the hydrogels upon hydration, 
cell cytotoxicity caused by these two components can be assumed to be minimal. In 
comparison, cell viability after treatment with PEGMA-co-Ve polymers of different 
molecular weights was above 40% in all cases (Figure 5E−G, and Figure 5H). In 
particular, PEGMA-co-Ve #50 showed the least cytotoxicity to fibroblasts (cell viability 
∼80%, Figure 5H). Consistent observations were noted in the live/dead stain; the cells 
were denser in PEGMA-co-Ve #50 treated media (Figure 5F), compared with PEGMA-
co-Ve #20 (cell viability ∼40%, Figure 5E) and #100 (cell viability ∼40%, Figure 5G). It 
is speculated that higher molecular weight polymers are less likely to transport into cells 
and thus present lower cytotoxicities even at these high concentrations tested, with the 
higher apparent toxicity of #100 likely attributable not to inherent toxicity but rather the 
high viscosity of this formulation that can inhibit effective nutrient and oxygen 
exchange.59 Because PEGMA-coVe #50 demonstrated satisfactory performance on cell 
proliferation and flowability with Ve, this polymer was selected for further in vivo study.  



 

In Vivo Biocompatibility of PEGMA-co-Ve Gel in Eye and Skin Tissue. Any 
bioengineered material implanted into a host will elicit some immune response. For most 
conceivable applications, it is critical that this response is as benign as possible, with 
minimal inflammation and an eventual cessation of any foreign body response.60 Ve has 
the potential to not only serve as hydrophobic gelling agent and drug solvent in these 
materials, but may also play other roles such as a free radical scavenger an anti-
inflammatory, and/or an antithrombotic that might greatly enhance its potential as a 
biomaterial.42−44  

In vivo evaluation was first performed in rat eyes. This choice was made for two reasons: 
(1) due to the transparency of the rat eye, it was possible to observe the gelation process 
in body tissue and (2) the injectable nature of these materials may find particular 
applicability in ophthalmics, in which extremely delicate and difficult to access tissues 
requires the use of minimally invasive surgical techniques. As shown in Figure 6A, a 
white gel with a clear boundary was formed in situ after injection. The gelation time in 
vitreous, similar to the discussion above in water, varied from almost immediately to a 
longer period depending on the formulation (Figure S9, Supporting Information). After 
∼2 h, the rats were sacrificed to look at the immediate physiological reactions upon the 
injection of hydrogel. The rat has a large lens, and the vitreous could be observed around 
the lens, presenting a line-like texture (Figure 6B-a). With the injection of Ve, the texture 
of vitreous was disrupted due to the immiscibility of Ve (Figure 6B-b). Following gel 
injection, the phase boundary between 50P42%PEG29%Ve29% gel and vitreous could be 
clearly observed (Figure 6B-c). Comparing these three eyes, the Ve and PEGMA-co-Ve 



hydrogel demonstrated no retinal toxicity based on the lack of retinal necrosis, infiltration 
of inflammatory cells and morphological changes observed.  

 

In order to study the physiological reactions of PEGMA-coVe in vivo, such as long-term 
inflammatory responses and gel degradation, the gel was injected under the skin of mice 
for 15 days. Tissues were explanted, embedded in paraffin wax, sectioned, and stained 
with H&E to observe the local immune response. Consistent with the properties of a 
hydrogel, the boundary between the implant and host had become indistinct by this time 
point. The implant was nevertheless obvious, delineated by a thin oval fibrotic capsule 
(Figure 6C-a). While there was some immune response to the presence of the implant, it 
consisted mostly of infiltrating lymphocytes, and was, for the most part, extremely mild. 
Zoomed-in sections (Figure 6C-b,c) show the most immunologically active area. While 
this area appears somewhat granulomatous, there is no evidence of foreign body giant 
cells, necrosis, or neovascularisation, indicating a low-level tissue response.  

Injectable hydrogels represent an extremely effective way to deliver drugs, cells, or genes 
to target tissues. Materials for use in vivo must be biocompatible and ideally should be 
biodegradable, with controllable gelation and hydration kinetics also highly desirable. 
The vitamin E-based polymer developed herein uses the presence of water to induce the 
gelation process, enabling both gelation and hydration rate control as a function of 
polymer structure while avoiding the need for less consistent environmental stimuli (e.g., 
local pH gradients that may cause inconsistency in gelation times and extent of gelation 



in pH-driven gelling strategies) and/or potentially nonbioorthogonal chemistries to induce 
gelation. Relative to other existing materials, in situ gelation can be driven by mixing of a 
simple copolymer (prepared in a single polymerization step) dissolved in generally 
recognized as safe (GRAS) solvents, without the need for advanced organic synthesis 
steps or more advanced delivery strategies (e.g., double barrel syringes, which are 
particularly limiting in the very small volume injections required for ophthalmic 
applications). Given that the cell compatibility and in vivo tolerability tests performed 
collectively suggest acceptable properties for the use of these aqueous-driven gelation 
hydrogels in a biomedical context, there is potential to leverage this unique gelation 
strategy to develop injectable hydrogels relevant to a range of potential biomedical 
applications.  

CONCLUSION  

In this paper, we demonstrated the synthesis of a simple injectable hydrogel based on a 
one-step free radical polymerization of methacrylated poly(ethylene glycol) (PEG) and 
vitamin E (Ve). By dissolving the resulting copolymers in a solvent consisting of low 
molecular weight PEG and Ve and injecting the precursor polymers into an aqueous 
environment, hydrogels can be formed with controllable kinetics (from a few seconds to a 
few hours) upon exposure to an aqueous environment. The water content, mechanical 
strength (from a few pascals to a few kilopascals in compression), and drug release 
kinetics can be tuned simply by formulating PEGMA-coVe with different solvent 
combinations and concentrations and/or by varying the molecular weight of the polymers. 
Furthermore, in vitro live−dead and MTT assays and histological examination following 
in vivo injection into the vitreous and under the skin showed no significant toxicity to 
either cells or tissue over either the short-term or longer time periods. As such, PEGMA-
co-Ve polymer has potential to be used not only as an injectable hydrogel, but also as an 
alternative for TPGS for nasal, pulmonary, ophthalmic, parenteral, or dermal delivery.  
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