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Abstract

Damage to the nervous system can result in loss of sensory and motor function,

paralysis, or even death. To facilitate neural regeneration and functional recovery,

researchers have employed biomaterials strategies to address both peripheral and

central nervous system injuries. Injectable hydrogels that recapitulate native nerve

extracellular matrix are especially promising for neural tissue engineering because

they offer more flexibility for minimally invasive applications and provide a growth-

permissive substrate for neural cell types. Here, we explore the development of

injectable hydrogels derived from decellularized rat peripheral nerves (referred to as

“injectable peripheral nerve [iPN] hydrogels”), which are processed using a newly

developed sodium deoxycholate and DNase (SDD) decellularization method. We

assess the gelation kinetics, mechanical properties, cell bioactivity, and drug release

kinetics of the iPN hydrogels. The iPN hydrogels thermally gel when exposed to

37�C in under 20 min and have mechanical properties similar to neural tissue. The

hydrogels demonstrate in vitro biocompatibility through support of Schwann cell via-

bility and metabolic activity. Additionally, iPN hydrogels promote greater astrocyte

spreading compared to collagen I hydrogels. Finally, the iPN is a promising delivery

vehicle of drug-loaded microparticles for a combinatorial approach to neural injury

therapies.
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1 | INTRODUCTION

The nervous system is critical to almost all bodily functions, both vol-

untary and involuntary. Damage to the nervous system can cause

severe impairment of sensory and motor function, paralysis, or even

death. Although peripheral nerve has the inherent ability to regener-

ate over short distances, large defects require grafts for regeneration

and functional recovery.1 Further, the adult central nervous system

(CNS) has little inherent capacity to rehabilitate after injury,1 and

physical barriers such as glial scar formation after spinal cord injury

(SCI) or traumatic brain injury (TBI) can further limit axonal regenera-

tion.2,3 Researchers have employed biomaterials strategies to address

both peripheral and CNS injuries. For example, many peripheral nerve

grafts and conduits have been developed from natural and synthetic

polymers,4 as well as decellularized peripheral nerve allografts.5 Other

researchers have explored filling such grafts with hydrogels, neuro-

trophic factors, aligned channels, and more6-8 to facilitate axonal

regeneration. Although multiple peripheral nerve grafts are on theDeanna Bousalis and Michaela W. McCrary contributed equally to this study.
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market, there are currently no FDA-approved therapies for CNS

repair.1,2,9 However, peripheral nerve grafts have proven beneficial

for supporting regeneration in the CNS after injury.10 Additionally,

many pre-clinical studies and a few clinical trials have utilized bioma-

terial scaffolds for regeneration of the CNS after injury.1,2,9,11

A promising biomaterial strategy is the use of hydrogels for neural

tissue engineering. Hydrogels are 3D hydrophilic polymer networks

that swell within an aqueous environment and contain a high fraction

of water but retain their mechanical structure through their cross-

linked (chemical or physical) polymeric chains.12-14 Hydrogels are typi-

cally soft and flexible materials that can easily match the mechanical

properties of neural tissue.15-19 This is important, as mechanical prop-

erties can drive cellular behavior, including neurite outgrowth.16,18-20

The mechanical microenvironment also should closely match that of

the target tissue as to not cause additional injury or inflammatory

responses.21-26 Structurally, hydrogels contain pores, which, if sized

appropriately, facilitate cellular growth/infiltration as well as nutrient

and waste exchange.15,17,19 Another advantage of hydrogels is their

amenability to be incorporated with other approaches to generate

combinatorial therapies.15,17 When used with cell transplantation

strategies, hydrogels provide a growth substrate that can promote

transplanted cell survival and integration into host tissue.18,19 When

combined with pharmaceutical strategies, hydrogels can be used as a

depot or sustained drug delivery vehicle for these interventions.15,18,19

One of the most notable practical advantages of hydrogels for

CNS repair is that they can be injectable.15,17-19,27 Most clinical cases

of SCI are contusion injuries, resulting in lesions with highly irregular

geometries that form over time.27 Lesion spaces can also form in the

brain after traumatic insult or ischemic stroke.9 Injectable biomaterials

can better and more consistently conform to these irregular lesion

spaces compared to traditional pre-formed scaffolds.15,18,19

Injectability further allows for a minimally invasive therapeutic strat-

egy that can reduce additional tissue damage and surgical complica-

tions.17-19,27 Additionally, injectable hydrogels can be used as fillers in

peripheral nerve guidance conduits to promote a more robust growth

response and provide a supportive microenvironment.28,29

Numerous preclinical studies have been performed with hydrogel

materials such as agarose,30,31 hyaluronic acid,32,33 methylcellulose,34

fibrin,31,35 alginate,36,37 collagen,38-40 silk,41 Matrigel,38 and self-

assembling peptides.42,43 Although many of these hydrogel strategies

have shown therapeutic promise, few of them accurately recapitulate

the native extracellular matrix (ECM) composition of the nervous system.

In this manner, a hydrogel derived from decellularized neural tissue could

be advantageous over the majority of other hydrogel or polymer scaffold

options explored thus far. A unique attribute of decellularized tissues

(commonly referred to as decellularized ECM or “dECM”) is their ability,
upon appropriate conditions, to be processed into a homogenous precur-

sor solution that forms a hydrogel upon injection into the injury site

in vivo or incubation at 37�C.44 This results in a less invasive procedure

compared to those involving scaffold implantation.45 Although dECM

hydrogel scaffolds have been used as treatments themselves, they have

also successfully been combined with other therapies to serve as deliv-

ery vehicles for cells, drugs, or other bioactive molecules.44,45 For

example, decellularized canine sciatic nerve has been used as a hydrogel

filler for nerve conduits after peripheral nerve injury.28 In addition, dec-

ellularized brain-derived hydrogels have been explored as a treatment

after SCI in rats.46

Previously, our group developed injectable hydrogels derived from

decellularized rat peripheral nerve (referred to as “injectable peripheral

nerve [iPN] hydrogels”), based on the Hudson decellularization

method.47 Cornelison et al. has demonstrated that iPN hydrogels

improve functional outcome after SCI.48 Additionally, Cerquiera et al. has

demonstrated the potential of the iPN hydrogel to serve as a carrier for

Schwann cells as an injectable SCI therapy.49 Unfortunately, despite

these promising results, the primary chemical detergent used in the Hud-

son decellularization method, Triton X-200, was discontinued by the

manufacturer in recent years. McCrary et al. reoptimized the rat periph-

eral nerve chemical decellularization process50 with chemical detergent

sodium deoxycholate to be comparable to or better than the previously

used Hudson method47 with respect to intracellular protein removal and

ECM preservation. More specifically, McCrary et al. found that replacing

Triton X-200 with 3% sodium deoxycholate and an incubation in deoxy-

ribonuclease (DNase) resulted in equivalent decellularization profiles, as

well as comparable cytocompatibility. This new method has been titled

the “SDD method”.50

Here, we explore the development of injectable hydrogels

derived from rat peripheral nerves decellularized using the newly

developed SDD method, and compare to hydrogels composed of

collagen I, the primary ECM component in peripheral nerve and a

common biomaterial used for a variety of tissue engineering

applications,51 including neural regeneration.52,53 To our knowledge,

this is the first study to utilize the novel SDD method decellularization

protocol to develop injectable hydrogels. Here we assess the gelation

kinetics, mechanical properties, cell bioactivity, and drug release kinet-

ics of the updated iPN hydrogel to characterize and showcase its

potential as an injectable delivery vehicle for neural applications.

2 | MATERIALS AND METHODS

2.1 | Nerve harvest and decellularization

All animal work in this study was approved by the Institutional Animal

Care and Use Committee (IACUC) at the University of Florida. Adult

male and female Sprague Dawley rats (250–300 g) were obtained

from Charles River (Wilmington, MA) and cared for by Animal Care

Services in accordance with IACUC standards and the Animal Welfare

Act. Rats had access to 12-h light/dark cycles and standard water and

food. Prior to nerve harvest, rats were euthanized using American

Veterinary Medical Association Guidelines using carbon dioxide. Sci-

atic nerves (about 3 cm in length) were harvested aseptically, and epi-

neurium were removed from the nerves using sterile forceps. Nerves

were then transferred to fresh 1X phosphate buffered saline (PBS)

and frozen at �20�C until decellularization.

The decellularization protocol of sciatic nerves was previously

published.50 Briefly, nerves were subjected to washes in water, salt
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buffers, zwitterionic detergents sulfobetaine-10 (SB-10, Sigma-Aldrich

D4266) and sulfobetaine-16 (SB-16, Sigma-Aldrich H6883), anionic

detergent sodium deoxycholate (SD, Sigma-Aldrich D6750), and

enzymes chondroitinase ABC (ChABC, Sigma-Aldrich C3667) and

deoxyribonuclease I (DNase, Sigma-Aldrich D4527). All steps except

enzyme (DNase and ChABC) incubations were conducted under

orbital agitation. All washes and incubations were performed at room

temperature50 except for ChABC, which was incubated at 37�C. To

demonstrate decellularization, unprocessed and decellularized rat sci-

atic nerve sections were immunostained as described previously.50

2.2 | iPN hydrogel fabrication

Decellularized peripheral nerves were solubilized using a method

adapted from Cornelison et al.48 Immediately after the

decellularization process, processed nerves were subject to three

15-min washes in sterile ddH2O on an orbital rotator, flash-frozen in

liquid nitrogen, and then lyophilized (Labconco) for 3 days. Lyophilized

nerves were weighed and minced into approximately 1-mm pieces in

a scintillation vial (Millipore Sigma). 1 mg/ml pepsin (Sigma Aldrich

P7012) in 0.01 M hydrochloric acid (Sigma Aldrich 258,148) was

added to achieve tissue concentrations of 5–20 mg of tissue per 1 ml

of pepsin solution. Vials were capped, sealed with parafilm (Bemis

Company, Inc.), and incubated for 72 h at room temperature under

constant agitation through use of a magnetic stir bar (SEOH

001.1206CS). Nerve digests, which at this point were homogenous

solutions, were transferred from scintillation vials into microcentrifuge

tubes and placed on ice. 1 M NaOH (Sigma-Aldrich 221,465) was

added to the digests until the pH reached 7.4 to neutralize the solu-

tion, and the solution was stabilized by adding 10X PBS at an amount

1/9th the volume of digest. This resulting solution will henceforth be

referred to as “pre-gel solution.” In the subsequent text, hydrogels will

be referred to in terms of initial decellularized tissue concentration

prior to digest and neutralization (e.g., 7.5 and 10 mg/ml iPN hydro-

gels contained 7.5 and 10 mg decellularized lyophilized nerve per ml

of pepsin solution, respectively, which becomes 6.75 and 9 mg/ml

after neutralization and stabilization, respectively).

Hydrogels were first assessed qualitatively for ability to form hydro-

gels (n = 3 separate digests consisting of at least two separate peripheral

nerves). 30 μl of pre-gel solution was pipetted onto parafilm-coated plas-

tic dishes and incubated at 37�C (humidified) for up to 1 h. Gelation was

then assessed based on handling of the hydrogel (ability to scoop it up

with a spatula while it maintains shape) and submersion in 1X PBS

(whether the hydrogel remained intact or quickly dissolved).

When using iPN for cell culture experiments, the digest was per-

formed under aseptic conditions. Sterility was maintained throughout

the decellularization process and lyophilization as described in previ-

ous sections. To ensure sterility during hydrogel fabrication, all spat-

ulas, instruments, vials, and so forth, were autoclaved. All solutions

were either autoclaved or filter sterilized prior to being used. Mag-

netic stir bars were soaked in 70% ethanol for at least 30 min before

being placed into the vial with nerve tissue pieces. All parts of the

digestion process, including measuring/weighing reagents, mincing tis-

sue, neutralizing, and so forth, were performed in a biological safety

cabinet (BSC).

2.3 | Collagen hydrogel fabrication

For all assessments, except qualitative gelation, rat-tail collagen I

hydrogels (Corning 354249) served as controls. Collagen I hydrogels

were prepared at concentrations analogous to iPN hydrogel final con-

centrations (6.75 and 9 mg ECM per ml solution after neutralization

and stabilization) based on the stock collagen I concentration provided

by the manufacturer. Collagen I hydrogels were prepared by mixing

rat-tail collagen I with a DMEM/HEPES solution consisting of

23.25 mg/ml of sodium bicarbonate (JT Baker 3509–01) in 10X

DMEM (Sigma-Aldrich D2429) and HEPES buffer (Fisher SH3085101)

mixed 1:1 to form 5� DMEM/HEPES. Final collagen pre-gel solutions

always contained 20% DMEM/HEPES solution and 80% collagen I

solution. The collagen I was diluted to the appropriate concentration

with 0.02% acetic acid (Fisher BP2401), as this was the solvent the

collagen was received in from the manufacturer. When using collagen

I hydrogels for cell culture experiments, all parts of the fabrication

process were performed inside a BSC with sterile materials.

2.4 | Turbidity gelation kinetics assessment

Turbidity gelation kinetics (n = 3 separate digests consisting of at

least two separate peripheral nerves) was conducted as previously

described by Medberry et al.54 to determine gelation parameters.

Briefly, a SpectraMax® M5 microplate reader (Molecular Devices) was

heated to 37�C. Separately, 150 μl of decellularized nerve pre-gel

solution or collagen I was added to a 96-well plate. To minimize any

potential evaporation during turbidity measurements, approximately

200 μl of 1� PBS was added to multiple wells around the perimeter

of the plate. This plate was then immediately transferred to the pre-

heated plate reader. The absorbance of the samples at 405 nm was

read every 30 s for up to 60 min. Absorbance data were then normal-

ized according to Equation (1).54

Normalized Absorbance NAð Þ¼ A�A0

Amax�A0
ð1Þ

In Equation (1), A represents the instantaneous absorbance of the solu-

tion at a given time, A0 represents the initial absorbance (at time = 0),

and Amax represents the maximum absorbance measured in the experi-

ment. Normalized values were then plotted against time to depict gela-

tion as it occurs over time (based on opacity). Time to reach 50% of

gelation (t50) (when NA = 0.5), time to reach 95% of gelation (t95) (when

NA = 0.95), speed of gelation (slope of linear region of the curve), and

time until gelation is initiated (tlag) (time until the linear region begins)

were determined graphically. These values were then compared

between the different tissue concentrations and hydrogel type.
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2.5 | Confocal reflectance imaging

Confocal reflectance imaging was used to validate collagen-based

gelation kinetics and to visualize the collagen structure within the

hydrogel. iPN and collagen hydrogels (n = 3 hydrogels per concentra-

tion and material type, 50 μl total volume each) were cast in glass-

bottomed plastic dishes (Cellvis). Hydrogel collagen fibrillar structure

was imaged at 60X magnification (oil immersion objective) and

488 nm light via confocal laser scanning microscopy equipped with a

reflectance filter cube (Nikon Eclipse Ti-E, Nikon Instruments). Repre-

sentative Z-stack images (5 μm) from each sample type were col-

lected, and a maximum intensity projection image was generated

using NIS-Elements software (Nikon Instruments).

2.6 | Mechanical characterization

To determine compressive mechanical properties, meso-scale indenta-

tion was utilized (n ≥ 6 per concentration and material type). To do so,

iPN and collagen pre-gel solutions were cast in 5-mm diameter,

1.5-mm height silicone molds and allowed to gel at 37�C for at least

30 min. The molds were then removed, and the hydrogels were sub-

merged in 1X PBS within a small plastic dish. Indentation was con-

ducted using a Hysitron indenter equipped with a 3-mm spherical

probe (Bruker Nano Surfaces Nanomechanical Test Instruments). All

samples were indented to a depth of 150 μm (�10% sample height) at

20 μm/s with a 3-mm spherical probe.55 The maximum depth was

then held for 60 s before retraction. This process was repeated at

least three times per individual hydrogels in the same location, with

approximately 2 min between each reading. An analysis method

described in Stewart et al.56 was utilized. Briefly, MATLAB was used

to convert force readings from the indenter into effective modulus

values using the Hertz contact model equation.57,58 These modulus

values relative to time were fit to the Standard Linear Solid model for

viscoelastic materials59 to obtain useful metrics such as steady state

modulus (SSM) and characteristic time. Data were not used if the

resulting normalized mean squared error was < 0.4, thus indicating a

poor fit.56

Rheological properties (storage and loss moduli) of iPN and colla-

gen I hydrogels were determined using rheology (rheometer from

Anton Paar, Austria) (n ≥ 5 per concentration and material type). For

this assessment, iPN and collagen I pre-gel solutions were added to

8.5 mm diameter, 1.5 mm height silicone molds and incubated at

37�C for 30 min. Hydrogels were then removed from the molds and

allowed to equilibrate in 1X PBS at room temperature overnight.

Hydrogel samples were placed on the bottom plate of the rheometer.

Water was added to humidity chamber to ensure hydrogels would not

dry out during measurement. The top plate of the rheometer (8 mm

sandblasted parallel plate [PP08] from Anton Paar, Austria) was then

lowered until flush with the hydrogel surface. An amplitude sweep

was conducted with a range of 0.01% to 100% strain (angular fre-

quency of 6.3 rad/s) to determine the linear viscoelastic region. A

strain of 0.5% (within linear viscoelastic region) was selected as the

amplitude for the frequency sweep. The viscoelastic properties were

then measured at 0.5% strain at angular frequencies ranging from 0.1

to 100 rad/s. Storage and loss modulus within this frequency range

was calculated and reported by Rheoplus Software (Anton Paar,

Austria) which is the computer interface for the rheometer.

2.7 | Swelling studies

Fully formed iPN and collagen I hydrogels (n = 3 per concentration

and material type, 50 μl total volume) were incubated in excess 1X

PBS for 24 h at room temperature. Hydrogels were rinsed with water

and wet weights measured. The three hydrogels for each were then

pooled (total of 150 μl volume), frozen at �80�C, and lyophilized

(Labconco). Samples were pooled due to the weights of individual hydro-

gels being less than the mass balance limit of detection. After lyophiliza-

tion, the dry weight of the pooled samples was recorded. The swelling

ratio was then determined using Equation (2). In Equation (2), Ws is the

sum of the swollen masses andWd is the pooled dry weight.

Swelling ratio SRð Þ¼Ws�Wd

Wd
ð2Þ

24 h was selected as the duration for the swelling experiment

because, in literature, collagen-based hydrogels have been found to

reach swelling equilibrium in 24 h or less.60-62 Additionally, 24 h for the

swelling duration is fairly standard for collagen-based hydrogels.63-67

2.8 | Degradation studies

Fully formed iPN and collagen I hydrogels (n = 3 per concentration

and material type, 50 μl volume) were incubated in a 24-well plate

containing 300 μl 1X PBS at 37�C under gentle agitation (30 RPM

shaking). Wet weights were measured every day for 30 days. Percent

weight loss was calculated using Equation (3). In Equation (3), Wt rep-

resents instantaneous wet weight at time t and W0 denotes the initial

wet weight.

Percent weight loss %WLð Þ¼ Wt�W0

W0

� �
�100 ð3Þ

2.9 | Schwann cell culture and seeding

Primary rat Schwann cells were purchased from ScienCell (R1700).

Tissue culture-treated flasks were first coated with laminin (Trevigen

3446–005-01) by incubating with 2 μg/ml laminin solution for 30 min

in a 37�C incubator, then rinsing once with sterile ddH2O. Schwann

cells were then thawed or passaged into the flasks and grown in

medium composed of DMEM (Fisher Scientific MT10013CV) with

10% fetal bovine serum (FBS, Atlanta Biologicals S11150), 1%
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penicillin/streptomycin (Thermo Fisher Scientific 15-140-122), 0.1%

forskolin (Sigma-Aldrich F3917), 0.135% bovine pituitary extract

(Gibco 13028014), and 0.1% basic fibroblast growth factor (Gibco

PHG0264). A half media change was performed the day after thawing

and a full media change was performed every 3 days thereafter.

For seeding Schwann cells into hydrogels, P3-P6 Schwann cells

were rinsed with sterile 1X PBS, incubated in 0.25% Trypsin–EDTA

(Thermo Fisher 25200072) for about 3 min until cells were no longer

adherent to the bottom of the flask, and neutralized with an equal

amount of growth medium. Cells were then transferred to a conical

tube and pelleted by centrifugation. Supernatant was aspirated and

cells were resuspended in 1–3 ml of Schwann cell growth medium,

then counted on a Countess automated cell counter (Invitrogen). Cells

were pelleted again and resuspended at a concentration of 8.33 mil-

lion cells/ml. Cell suspension was next added in an amount 1/10th

that of the final volume of pre-gel solution. For example, 10 μl cell

suspension was added to 90 μl of pre-gel solution to make a final total

of 100 μl pre-gel solution containing cells at a final concentration of

8.33 � 105 cells/ml. Pre-gel solutions containing cells were then pip-

etted into silicon molds and incubated for at least 30 min at 37�C.

Each hydrogel was 30 μl volume and contained 2.5 � 104 cells.

Hydrogels were transferred to a 24-well plate with a sterile spatula

and 450 μl growth medium was added to each well. Hydrogels were

cultured for 3 days, after which Live/Dead staining and/or an ala-

marBlue metabolic assay was performed.

2.10 | Astrocyte co-culture and seeding

Brain cortices were isolated from post-natal day 2–3 Sprague Dawley

rat pups, enzymatically digested, and cultured as described by Hlavac

et al.68 Seven days after isolation, cultures were mechanically agitated

to purify astrocytes from other glia, namely microglia. The remaining

“astrocyte co-cultures” contain a majority astrocytes (> 70% GFAP-

positive in culture) with some other adherent cells, like fibroblasts and

endothelial cells as part of the isolation technique.69 Astrocytes were

grown in medium consisting of DMEM-F12 (Caisson Labs DFL15), 10%

FBS, and 1% P/S with full media changes every 3 days until confluent.

Astrocytes were encapsulated in hydrogels at 5 � 105 cells/ml final con-

centration, or 1.5 � 104 cells per 30 μl hydrogel, using the method as

described above for Schwann cell encapsulation. Astrocytes were cul-

tured for 3 days, after which cells and hydrogels were fixed and stained

for glial fibrillary acidic protein (GFAP) as described below.

2.11 | Determination of cell viability and metabolic
activity

Live/Dead Cytotoxicity staining (Life Technologies L�3224), con-

sisting of calcein AM and ethidium homodimer-1, was performed on

Schwann cells cultured in hydrogels. Cells were incubated in a work-

ing solution of 2 μM calcein AM and 4 μM ethidium homodimer-1 in

1� DPBS for 30–45 min at 37�C. Working solution was then

aspirated, and 1X DPBS was added to cells. DPBS was removed from

each well immediately before imaging on a Zeiss LSM 880 confocal

microscope.

An alamarBlue metabolic assay was performed on Schwann cells

cultured in hydrogels. Media was aspirated from cells, and 450 μl of

an alamarBlue working solution consisting of 10% alamarBlue reagent

(Thermo Scientific DAL1100) in Schwann cell growth medium was

added to each well. Cells were incubated in working solution for 2 h

at 37�C to allow cells to metabolize and reduce the resazurin in the

alamarBlue reagent into resofurin. Working solution was then pip-

etted into a black, clear-bottom 96-well microplate and read on a

Molecular Devices m5e microplate reader at an excitation wavelength

of 545 nm and emission of 590 nm. All alamarBlue absorbance values

were normalized to the collagen I absorbance values for individual

experimental runs.

2.12 | Hydrogel processing and immunostaining

Astrocytes were cultured in hydrogels for 3 days then fixed by incu-

bating in 2% paraformaldehyde (PFA, Fisher Scientific AAJ19943K2)

for 30 min at room temperature. PFA was then washed out with three

15-min PBS soaks. Hydrogels were next transferred to microce-

ntrifuge tubes using spatulas and soaked in 30% sucrose with 1 mg/ml

sodium azide in PBS solution overnight at 4�C to prevent ice crystal

formation when freezing. The following day, hydrogels were placed in

plastic cryomolds and covered with optimal cutting temperature com-

pound (Electron Microscopy Sciences 62,550). Molds were placed in a

humidified sealed box and placed at 4�C overnight. Then, molds were

flash-frozen by briefly dipping in liquid nitrogen and quickly moving to

�20�C, where they were stored in sealed plastic bags until sectioning.

Hydrogels were next cut into 15-μm thin cryosections using a Leica

cryostat. Sections were either heated for 2 h on a slide warmer or left

overnight at room temperature and stored at �80�C until immuno-

staining was performed.

For immunostaining, slides were warmed for at least 30 min on a

slide warmer and soaked in PBS twice for 5 min each, then water for

5 min to remove residual OCT. A hydrophobic barrier was drawn

around the sections on the slide using a PAP Pen (Electron Micros-

copy Sciences 71312). Samples were permeabilized in 0.5% Triton

X-100 (Sigma-Aldrich 93443) in PBS for 15 min, washed with PBS for

10 min, and blocked for 1 h in 5% bovine serum albumin (BSA, Sigma-

Aldrich A9418). After blocking, samples were incubated in primary

antibody GFAP solution at a dilution of 1:350 in 5% BSA overnight at

4�C. Primary antibodies were next removed using three 10-min

washes with PBS-T (PBS with 0.1% Tween-20), and sections were

incubated in secondary antibody solution for 1 h at room tempera-

ture. Secondary antibody used was Alexa Fluor 568 Goat anti-rabbit

IgG (H + L) (Invitrogen A11011) at a 1:1000 dilution in 5% BSA. Sec-

ondary antibodies were removed with three 10-min PBS-T washes,

and then sections were incubated in DAPI solution (1:1000 in ddH2O),

followed by one 10-min PBS wash. Coverslips were subsequently

mounted onto slides with Fluoromount G mounting medium (Fisher
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Scientific OB100-01) and left to dry overnight at room temperature.

The next day, coverslips were lined with clear nail polish to preserve

the samples. Slides were imaged on either a Zeiss Axio Imager Z2

microscope or a Zeiss laser scanning confocal microscope 880.

2.13 | Image analysis

To determine astrocyte spreading, the average area covered by each

astrocyte per hydrogel section was calculated. The image of the chan-

nel of interest was opened in ImageJ and converted to 32-bit gray-

scale images. Images were then thresholded to highlight the cells

stained and to eliminate background noise. The scale was set for each

individual image. Either the circle tool or the freehand selection tool

was used to select the hydrogel section in the image. Then, an area

measurement was taken. If there were shape irregularities in the

images (e.g., rip in the hydrogel section), multiple smaller selections

were made and measured instead, and then averaged together per

sample for analysis. The total area covered by astrocytes was divided

by the number of astrocytes in each image (also counted in ImageJ) to

obtain the “Average Astrocyte Area” metric. To determine average

circularity of astrocytes, images were converted to 32-bit, thresholded

as described above, and the “analyze particle” function was used to

obtain measurements of shape descriptors for each cell.

2.14 | PLGA microparticle synthesis

50/50 DL-Lactide/glycolide copolymer (Purasorb PDLG, Corbion

5004A), which will be referred to as PLGA, was thawed in a desiccator

for 15 min to come to room temperature and weighed. Five percent

(wt/vol) PLGA was dissolved in dichloromethane (Sigma-Aldrich,

270997) in a glass vial. The vial was placed on a shaker plate at

150–200 rpm for approximately 10 min until the PLGA was dissolved

completely. 20 kDa fluorescein isothiocyanate-dextran (FITC-dextran,

Sigma-Aldrich FD20) was dissolved at 5 mg/ml in ddH2O. 1 ml of the

FITC solution was added to the PLGA/DCM solution. For blank parti-

cles, 1 ml of ddH2O was added. The solution was vortexed for 2 min

and sonicated with no heat to allow the FITC-dextran to dissolve

completely. The solution was homogenized for a total of 2 min using a

tissue master homogenizer (Omni TM125-115). The speed was

increased every 15 s for a minute until the homogenizer was on maxi-

mum speed, then the solution was homogenized for another minute

at maximum speed to form the primary emulsion. The entire primary

emulsion was added to 50 ml of 5% (wt/vol) polyvinyl alcohol (PVA,

MP Biomedicals 151937) solution in ddH2O, and homogenized for

another 2 min as described to form the secondary emulsion. The

entire secondary emulsion was added to 500 ml of 1% (wt/vol) PVA

solution in an Erlenmeyer flask. A magnetic stir bar was added, and

the flask was placed on a stir plate set to 300 rpm. The mouth of the

Erlenmeyer flask was covered with parafilm and small holes were

made with forceps. The solution was left spinning in the chemical

fume hood overnight to allow residual DCM to evaporate. For

emulsions containing FITC-dextran, the flasks were covered with alu-

minum foil to protect them from light.

The next day, the solution from the flasks was collected in 50 ml

conical tubes and centrifuged at 400 G for 10 min to collect micropar-

ticles. The supernatant was discarded and 35 ml of ddH2O was added

to wash the particles. Particles were centrifuged again, and the wash

step was repeated three more times. After the final wash step, excess

water was removed from tubes, and particles were flash frozen in liq-

uid nitrogen. Tubes were quickly covered with parafilm, small holes

were poked through with forceps, and particles were lyophilized for at

least 72 h on a Labconco lyophilizer. After removal from the lyophi-

lizer, particles were stored at �20�C until use.

Particle size and loading efficiency was characterized as described

in the Supplemental Information S1. Mean particle diameter was

2.33 μm and loading efficiency was 16.04%.

2.15 | FITC-dextran in vitro release studies

Decellularized rat peripheral nerves were digested to create iPN

hydrogel pre-gel solutions as described previously. For initial study

with free FITC-dextran in iPN, solubilized FITC-dextran (in water) was

added to iPN such that the final concentration of pseudo-drug was

1 mg/ml. Hydrogels (50 μl volume) were then formed through incuba-

tion at 37�C and placed into a 48-well plate containing 250 μl of 1X

PBS. For PLGA studies, FITC-dextran-loaded microparticles were

weighed and mixed with iPN pre-gel solution at the concentration of

750 μg particles per 30 μl of pre-gel solution. Solutions were mixed

using a pipette tip to ensure particles were homogeneously dispersed,

and then a chilled pipette tip was used to transfer the particle/pre-gel

solution into 30-μl silicone molds. Molds were then incubated at 37�C

for 30 min to initiate gelation. Hydrogels were removed from the

molds and placed in 24-well plates in 750 μl of 1X PBS. Experimental

control groups included blank particles and FITC-dextran particles dis-

solved at the same concentration as those inside the gel (750 μg parti-

cles per 750 ml of PBS). For both studies, plates were placed on a

shaker plate at 37�C gently shaking at 50 rpm. At each experimental

time point (1, 6, 24, 48, and 72 h) eluates were collected. All the PBS

from the hydrogel wells were collected in individual microcentrifuge

tubes, and fresh PBS was added to the wells. For the free particle

groups, all PBS volume was collected in individual microcentrifuge

tubes and centrifuged at 400 G for 10 min to spin down the remaining

particles. The supernatants were collected, and the remaining particles

were resuspended in fresh PBS and added back to the well plate.

To determine the concentration of FITC in the eluates, FITC-dex-

tran was dissolved in PBS at 1 mg/ml. A serial dilution was then per-

formed on this solution to create a standard curve of FITC-dextran

concentration when reading the fluorescence on a plate reader. A vol-

ume of 150 μl of each standard was added to a clear-bottomed black

96-well plate in duplicate. A volume of 150 μl of each eluate sample

was also added to the well plate. Plates were read on a Molecular

Devices m5e microplate reader with an excitation of 490 nm and

emission of 520 nm. The fluorescence values of the standards were

600 BOUSALIS ET AL.



then graphed against their known concentrations to create a stan-

dard curve. A trendline was fit to the standard curve to obtain an

equation from which the concentration of each elution sample can

be calculated based on its fluorescence value.

2.16 | Statistics

For all experiments, unless otherwise noted, at least three separate dec-

ellularized nerves (separate donors) or digests (generated from separate

donors) were analyzed. Additionally, owing to potential variability

between decellularization batches, care was taken to use samples from

the same batch of decellularized nerves for any individual study. Statisti-

cal analyses were performed in GraphPad Prism 6, which included ordi-

nary one-way ANOVA tests followed by Tukey's post-hoc multiple

comparisons test for comparisons of more than two groups. Brown–

Forsythe tests were used to test for equal variance among groups. When

unequal variances and non-normality were detected, a Kruskal–Wallace

test was performed followed by Dunn's multiple comparisons test. For

comparisons between only two groups, two-tailed t-tests were per-

formed with F tests to compare variances. When variances were not

equal between two groups, a Mann–Whitney test was performed. Out-

liers were eliminated using Grubbs test. All graphing was also performed

in GraphPad Prism 6. All data are presented as mean ± SD unless other-

wise noted. Significance was defined as p < 0.05.

3 | RESULTS

3.1 | Fabrication of decellularized peripheral
nerve-derived hydrogel

After decellularization of rat sciatic nerves, immunostaining was per-

formed to demonstrate (a) appropriate removal of nuclei (DAPI) and

intracellular protein β-III tubulin and (b) preservation of ECM proteins

collagen I and collagen IV (Figure 1(A)).

To optimize hydrogel fabrication, decellularized nerves were solu-

bilized at concentrations ranging from 5 to 20 mg decellularized tissue

per milliliter of pepsin/acid solution. Methodology is pictured in

Figure 1(A). These hydrogels were then qualitatively assessed for gela-

tion by gently handling and submersing in 1X PBS to observe dissolu-

tion. Figure 1(B) summarizes the results of the qualitative

assessments. At the highest concentration (20 mg/ml), the tissue

failed to fully digest into a homogenous pre-gel solution; there was

evidence of pieces of intact nerve. Therefore, these samples were not

assessed for gelation. When the concentration was decreased to

15 mg/ml, digestion was deemed successful, as the pre-gel solution

was homogenous and free from residual pieces of tissue. Although

these samples produced hydrogels that maintained their shape and

could be handled, this concentration was extremely viscous, and injec-

tion was not practical. Lower concentrations of 10 and 7.5 mg/ml

were easily injected and resulted in stable hydrogels. Hydrogels from

F IGURE 1 Overview of hydrogel fabrication process. (A) Rat sciatic nerve was decellularized, as indicated through removal of cell nuclei
(DAPI, blue) and neurons (β-III tubulin, red), as well as preservation of extracellular matrix proteins collagen I (light blue) and collagen IV (green)
(Images are representative samples from a set of at least n = 3 distinct nerves). Decellularized nerve was lyophilized and ground into small pieces
which were then digested in acidic solution for 3 days. After neutralization, a homogenous and injectable “pre-gel solution” exists which forms a
hydrogel upon exposure to body temperature, or 37�C. (B) Table of nerve tissue concentrations tested for ability to form a hydrogel. Solutions
were qualitatively assessed for injectability, gel formation upon heating, and whether the hydrogel maintained integrity after submersion in
1X PBS
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both concentrations could be handled and submerged in 1X PBS with-

out losing their shape. Finally, at the 5 mg/ml concentration, no

hydrogel formation was observed.

3.2 | Gelation properties of iPN hydrogel

To understand characteristics of the gelation process, turbidity gela-

tion kinetics were assessed. The turbidity gelation kinetic profiles for

iPN and collagen I hydrogels are summarized in Figure 2. Collagen I

was used as a control because this material is widely used in literature

for a variety of tissue engineering applications,51 including neural

regeneration,52,53 and its properties are well studied.70 Additionally,

this ECM component is abundant in peripheral nerve tissue,53 plays

an important role in CNS development,71 and is hypothesized to be

the main component giving rise to the thermal gelling properties of

iPN.48 Overall, the iPN hydrogels had similar sigmoidal gelation curves

as collagen I, which is indicative of collagen fibrillogenesis.72 Briefly, it

is believed that collagen fibril formation, or collagen fibrillogenesis,

occurs as a result of hydrophobic interaction between collagen mole-

cules and their tendency to minimize the number of hydrophobic resi-

dues exposed to water by burying them within the fibril.73,74 This loss

of water from bound collagen monomers is associated with increased

entropy.44 Further comparison of gelation kinetic parameters is sum-

marized in Figure 2(C). Lag time until gelation initialization differed

between groups and concentrations. For the iPN hydrogels, the

7.5 mg/ml hydrogels had a significantly longer lag time (14.33

± 0.29 min) compared to 10 mg/ml iPN (12.67 ± 0.29 min) (p < 0.05).

For the collagen I hydrogels, no significant difference in lag time was

detected between 7.5 and 10 mg/ml (11.67 ± 0.29 min and 11.50

± 0.50 min, respectively). Upon comparison of the 7.5 mg/ml iPN and

collagen I samples, the iPN was found to have a significantly longer

lag time compared to its collagen counterpart (p < 0.05).

The time to reach 50% gelation (t50) also varied based on material

and concentration. For the iPN hydrogels, the 7.5 mg/ml concentra-

tion t50 was significantly slower than the 10 mg/ml iPN (15.11

± 0.41 min and 13.62 ± 0.27 min, respectively) (p < 0.05). Interest-

ingly, this trend was not observed in collagen I hydrogels, as t50 was

F IGURE 2 Hydrogel gelation kinetics and collagen structure visualization. Turbidity gelation kinetic graphs of (A) iPN and (B) collagen I
hydrogels. Graphs were analyzed to determine the time until 50% gelation (t50), 95% gelation (t95), time until gelation is initiated (tlag), and speed
of gelation (s) or slope of the linear region on the graphs. Values are reported in (C) as mean ± SD. Confocal micrographs for fibrillar collagen
formation in iPN (D) and collagen I (E) hydrogels were also obtained to visualize collagen fiber structure and confirm collagen fibrillogenesis gelling
mechanism
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not significantly different between 7.5 and 10 mg/ml samples (12.85

± 0.27 min and 13.55 ± 0.46 min, respectively). When concentrations

were compared between materials, 7.5 mg/ml iPN t50 was signifi-

cantly longer than 7.5 mg/ml collagen I (p < 0.05). At 10 mg/ml, there

was no significant difference in time to 50% gelation between iPN

and collagen I samples.

The 7.5 mg/ml iPN hydrogels reached full gelation (t95) signifi-

cantly slower than 10 mg/ml iPN (17.44 ± 0.21 min vs. 15.68

± 0.85 min, respectively) (p < 0.05). Collagen I hydrogels, however,

experienced the opposite trend where the 7.5 mg/ml t95 was signifi-

cantly lower than the t95 at 10 mg/ml (14.90 ± 0.26 min vs. 17.45

± 0.32 min, respectively) (p < 0.05). Comparing across the materials,

at 7.5 mg/ml, the iPN hydrogels took significantly longer to reach full

gelation compared to collagen I (p < 0.05). However, this was the

opposite for 10 mg/ml, where the iPN reached full gelation faster than

collagen analogues (p < 0.05).

Speed of gelation (S) was found to be concentration independent.

No significant differences between concentrations of a given material

were found. Between materials, however, the iPN gelation speed was

found to be significantly slower than the collagen I analogues for both

concentrations (p < 0.05). Although there are significant differences

in gelation parameters between concentrations and materials, gelation

is still occurring in all samples in under 20 min. This duration should

be an appropriate amount of time for easy handling during injection

while still allowing for efficient encapsulation and delivery of desired

drug or cells in vivo. The efficacy of this timing will need to be further

assessed in future in vivo studies and could require partial gelation

prior to injection.

3.3 | Visualization of iPN hydrogel microstructure

To support turbidity gelation kinetic findings, confocal reflectance

was used to visualize fibrillar collagen structure and whether fibri-

llogenesis occurred. Representative confocal images are shown in

Figure 2(D,E). Images reveal that extensive collagen fiber networks

exist in both collagen I and iPN hydrogel samples. Given the turbidity

gelation pattern/parameters and confocal reflectance data, it is likely

that collagen I fibrillogenesis is the driving force behind iPN gelation.

3.4 | Mechanical characterization of iPN hydrogel

The compressive, viscoelastic, and rheological properties of iPN

hydrogels were assessed to ensure that the iPN would provide a

mechanical microenvironment comparable to neural tissue. Overall,

iPN hydrogels were significantly softer than collagen I analogues.

Steady-state compressive modulus (SSM) for iPN and collagen I

hydrogels are shown in Figure 3(A). The 7.5 and 10 mg/ml iPN hydro-

gels each had significantly lower SSMs than collagen I hydrogels at

10 mg/ml concentration (159.9 ± 39.6 Pa and 196.7 ± 14.17 Pa for

7.5 and 10 mg/ml iPN, respectively, compared to 543.1 ± 46.4 Pa for

10 mg/ml collagen I). The characteristic time, an indication of material

viscoelasticity and relaxation speed,75 was about 8–11 s for all sam-

ples not significantly different between any of the groups (Figure 3

(B)). Rheological properties (storage and loss modulus) were deter-

mined for iPN and collagen I hydrogels and results are shown in

Figure 3(C,D). The trends found were identical to those of the SSM,

with iPN hydrogels having significantly lower storage and loss mod-

uli than collagen I analogues. Additionally, 10 mg/ml collagen I

hydrogels had significantly higher loss and storage moduli than

7.5 mg/ml iPN and collagen I hydrogels. Overall, the compressive

properties and rheological properties of the iPN hydrogels were

within range of values reported for neural tissue in the

literature,76-81 suggesting that these iPN matrices would provide

appropriate mechanical cues to both transplanted cell populations

as well as regenerating axons.

3.5 | Degradation and swelling properties of iPN
hydrogel

In vitro degradation was assessed to compare relative degradation rates

of iPN to common collagen I hydrogels. Degradation profiles depicting

cumulative mass loss of iPN and collagen I hydrogels are shown in

Figure 4(A,B). Both concentrations of collagen I hydrogels had lost

�80% of the cumulative mass over the 30-day investigation. These

degradation profiles were essentially linear (R2 = 0.95 for 7.5 mg/

ml and R2 = 0.98 for 10 mg/ml). The iPN, however, experienced a

faster degradation than analogous collagen I hydrogels with a sig-

nificantly higher percent weight loss at representative time points

7, 15, and 30 days. Additionally, the degradation profile was less

linear (R2 = 0.73 for 7.5 mg/ml iPN and R2 = 0.87 for 10 mg/ml

iPN). By the end of the 30-day investigation, the 10 mg/ml iPN

hydrogels had lost 95% of their weight and the 7.5 mg/ml iPN

hydrogels were fully degraded. By 15 days into the investigation,

the 7.5 mg/ml iPN hydrogels had almost entirely degraded.

The swelling capacities of iPN and collagen I hydrogels were mea-

sured to understand the ability of the materials to absorb water, which

can affect other properties such as drug release82,83 (Figure 4(C)). The

swelling ratio of the two iPN hydrogel concentrations were not signifi-

cantly different. Similarly, the swelling ratio was not significantly differ-

ent between the two collagen I concentrations. However, the swelling

ratio of both iPN concentrations was significantly greater than that of

10 mg/ml collagen I hydrogels, indicating greater swelling in the iPN

hydrogels.

3.6 | Schwann cell in vitro biocompatibility

Since 7.5 and 10 mg/ml iPN hydrogels had largely similar mechanical

properties and characteristics, only the 7.5 mg/ml concentrations of

iPN and collagen I hydrogels were explored in subsequent in vitro

studies.

Primary rat Schwann cells were cultured inside 7.5 mg/ml iPN

and collagen I hydrogels for 3 days, after which alamarBlue metabolic
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F IGURE 3 Mechanical
characterization of iPN hydrogels.
Mesoscale indentation was used to
determine the (A) steady-state
compressive modulus (SSM) and
(B) characteristic time of 7.5 and
10 mg/ml iPN and collagen I (Col I)
hydrogels. Rheological assessment was
performed to determine the (C) loss and

(D) storage moduli of iPN and collagen I
hydrogels. Each data point represents one
sample (one hydrogel). Data presented as
mean ± SD. *p < 0.05, **p < 0.01, ***p <
0.001, ****p < 0.0001

F IGURE 4 Hydrogel in vitro degradation and swelling properties. An in vitro degradation assessment was performed on 7.5 and 10 mg/ml
(A) iPN and (B) collagen I (Col I) hydrogels, where degradation is depicted as cumulative mass loss (y-axis) over time (x-axis). The swelling ratios of
iPN and collagen I hydrogels after 24 h were measured (C) and complement degradation rates. Data presented as mean ± SD. *p < 0.05,
**p < 0.01
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assay, live/dead staining, and confocal imaging were performed.

Figure 5 displays representative images of live (green) and dead (red)

cells present in the hydrogels. The confocal 3D-rendered images show

that hydrogels remained intact after 3 days in culture. The number of

live and dead cells were quantified in ImageJ and the percentage of

live cells relative to total number of cells is represented in the graph in

Figure 5(C). The average percent viability of Schwann cells was 83.7

± 6.9% in collagen I hydrogels and 88.6 ± 3.9% in iPN hydrogels, with

no significant difference detected between the two. Figure 5(B)

depicts metabolic activity levels of Schwann cells cultured in the colla-

gen I and iPN hydrogels. Each data point represents the fluorescence

intensity of a unique sample normalized to the average of the collagen

I samples. The average metabolic activity of Schwann cells in iPN

hydrogels was 2.8% higher than that in collagen I hydrogels. However,

no statistically significant differences were detected between groups.

3.7 | Astrocyte spreading within hydrogels

Astrocytes were grown inside of 7.5 mg/ml hydrogels to assess the

effect of hydrogel material on cell spreading. Cells were cultured for

3 days, after which they were fixed, sectioned, and stained for glial

fibrillary acidic protein (GFAP), which is an intermediate filament protein

commonly used as a marker for astrocytes.84 Representative images of

astrocytes in each group can be seen in Figure 6(A). It is evident that

astrocytes grown in the collagen I hydrogels did not form many pro-

cesses compared to those cultured in iPN. To quantify this phenotype,

the average area covered by each astrocyte was calculated using ImageJ,

and these values are shown in Figure 6(B). On average, astrocytes cov-

ered about twice the area in iPN hydrogels compared to collagen hydro-

gels (p-value < 0.01 between iPN and collagen hydrogels). The average

circularity of astrocytes was also calculated in ImageJ and these values

are shown in Figure 6(C). The average circularity, or roundness, of astro-

cytes in collagen hydrogels was 0.677 ± 0.051, compared to 0.615

± 0.022 in iPN hydrogels, where a value of 1 is a perfect circle and 0 is

an elongated polygon. The differences in circularity between the two

groups were statistically significant (p < 0.05). A decrease in roundness

should indicate better cell spreading in the biomaterial,85 which was con-

firmed by the correlation of results between the percent area covered

and cell shape. Overall, results indicate that the iPN hydrogel at this con-

centration may be more suitable for supporting astrocyte adhesion and

growth.

F IGURE 5 In vitro biocompatibility of
Schwann cells cultured in 7.5 mg/ml iPN and
collagen I hydrogels. (A) Representative 2D
images (top) and 3D-rendered images of live
(green) and dead (red) Schwann cells.
(B) Percentage of live Schwann cells after
3 days of culture in hydrogels, as quantified
with ImageJ. (C) Graph of normalized
metabolic activity of Schwann cells as
determined by an alamarBlue assay. Each
data point represents one sample (one
hydrogel). Data presented as mean ± SD
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3.8 | FITC-dextran in vitro release kinetics

Elution studies were performed in vitro to determine the release pro-

file of 20 kDa FITC-dextran from the iPN hydrogel. This molecule was

chosen for its similar molecular weight to neurotrophic factors such as

brain-derived neurotrophic factor (BDNF) and glial cell line-derived

neurotrophic factor (GDNF).86,87 FITC-dextran was incorporated into

iPN pre-gel solution and incubated at 37�C to form hydrogels. Hydro-

gels were placed in a well plate and submerged in PBS, then placed on

a shaker plate at 37�C. Eluates were collected at various time points

up to 48 h. Almost 90% of FITC-dextran had been released after 6 h

of incubation (Figure 7), and about 98% had been released after 48 h,

hence no further eluates were collected.

From these data, it was clear that an additional technique was

needed to obtain a more sustained release of “drug” from the iPN

hydrogel. Polylactic-co-glycolic acid (PLGA) is an attractive polymer

for drug delivery applications because it is biodegradable and biocom-

patible, has been previously approved by the FDA for drug delivery

systems, and is capable of encapsulating either hydrophilic or hydro-

phobic drugs and small molecule therapeutics to protect them from

degradation.88 Further, encapsulating drugs in PLGA nano- or micro-

particles can slow the degradation of the drug and hence provide a

sustained, rather than burst, release, while decreasing dosing fre-

quency.89 Thus, PLGA microparticles were explored as a complemen-

tary approach to control the release of desired biomolecules. To

determine the range of release times, FITC-dextran, a model com-

pound as noted above, was encapsulated in PLGA microparticles

(information on particle size and loading efficiency can be found in

the methodology section and supplementary data S1). FITC-PLGA

particles were then incorporated into iPN hydrogels, and the same

F IGURE 6 Astrocytes in 7.5 mg/ml
hydrogels stained with GFAP (red) for
astrocytes and DAPI (blue) for nuclei.
(A) Representative images of astrocytes
cultured in iPN and collagen I 7.5 mg/ml
hydrogels. (B) Semi-quantification of the
average area covered per astrocyte in
each hydrogel. (C) Average circularity of
astrocytes inside each hydrogel. Data

presented as mean ± SD. *p < 0.05,
**p < 0.01

F IGURE 7 FITC-dextran release from iPN 7.5 mg/ml hydrogels.
Cumulative release of FITC-dextran alone from iPN hydrogels (FITC-
iPN), from FITC-dextran-loaded PLGA microparticles incorporated
into iPN hydrogels (FITC/PLGA-iPN), and from FITC-dextran-loaded
PLGA microparticles suspended in PBS (FITC/PLGA). The
combination of PLGA encapsulation as well as incorporation into the
iPN hydrogel successfully sustains the release of FITC-dextran over at
least 3 days. Experimental time points were 1, 6, 24, 48, and 72 h.
Data presented as mean ± SD
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elution experiment was performed, with control groups of free-

floating FITC-PLGA particles and blank PLGA particles. The eluates

were collected over 72 h. Compared to the free particles and FITC-

dextran alone, it is clear that the iPN delays the release of FITC-

dextran considerably (Figure 7). For example, at any given time point,

the amount of FITC-dextran released from free particles is more than

half of that released from particles encapsulated in the iPN hydrogels.

4 | DISCUSSION

In this work, we have optimized the solubilization of decellularized nerve

scaffolds, processed using a new sodium deoxycholate and DNase (SDD)

decellularization method,50 and demonstrated that iPN scaffolds can be

successfully generated and have attractive properties for neural repair

strategies. Previous work has utilized iPN hydrogels derived from Hud-

son method-decellularized nerves.48 However, as this protocol is now

obsolete,50 it was necessary to generate iPN from SDD decellularized

nerves. We successfully solubilized SDD-decellularized nerves and

formed injectable, in situ gelling hydrogels at tissue concentrations of 7.5

and 10 mg decellularized tissue per ml of pepsin/HCl solution. After

qualitatively assessing gelation, it was important to better understand

gelation parameters and mechanical properties.

Gelation parameters, such as time to full gelation, are useful to

understand for injectable therapies so that efflux of the pre-gel solu-

tion out of the lesion or injury site is minimized.20 First, we assessed

turbidity gelation kinetics. In this method, gelation is determined by

collagen fibrillogenesis. iPN scaffolds were observed to exhibit the

signature sigmoidal gelation kinetic profile of collagen I-based mate-

rials.90-92 This sigmoidal profile was expected, as collagen I is known

to be one of the most abundant ECM molecules in peripheral

nerve.93-95 Similarity in gelation kinetic profiles strongly suggested

that the gelation of iPN was a result of collagen fibril formation. The

presence of collagen fibril formation was further confirmed by confo-

cal reflectance. Both iPN and collagen I samples formed hydrogels in

under 20 min, and all types of samples formed hydrogels within 5 min

of each other. However, one notable difference between iPN and col-

lagen controls was the lag time until gelation was initiated. The longer

lag time observed in the iPN hydrogels is most likely due to the other

non-fibrillar ECM proteins, such as laminin and collagen IV, which

have been shown to impede collagen I fibrillogenesis relative to pure

collagen I samples.90,96,97 In general, gelation time should be mini-

mized to reduce leakage of the material out of the injury site and sedi-

mentation of suspended components (i.e., transplanted cells).20,71

Despite the longer lag time compared to collagen I, the iPN hydrogel

formed in less than 20 min. This seems to be an acceptable duration

based on the literature,71 however needs further exploration in vivo.

Matching the approximate mechanical properties of target tissue

is important because these properties can drive cellular behavior,

including neurite outgrowth.16,18-20 The mechanical microenviron-

ment also should closely match that of the target tissue as to not

cause additional injury or inflammatory responses.21-26 Mesoscale

indentation was employed to determine compressive and viscoelastic

properties of the iPN hydrogels,55,75,98 and rheological assessment

was performed to assess the storage and loss moduli. Compressive

modulus values of brain, spinal cord, and peripheral nerve are reported

between 50 Pa and 7 kPa.55,56,76-79,99 These values are highly depen-

dent on methodology, orientation of the spinal cord, donor species

and age, and presence of dura mater. In literature, storage moduli for

CNS tissue ranges from 150 Pa to 5 kPa and loss moduli ranging from

40 to 1000 Pa at frequencies equal to or under 10 Hz (similar to this

investigation).80,81 Compressive and rheological data together demon-

strate that the material properties of the iPN are within the range of

neural tissues reported in literature.76-79 Further, multiple studies sug-

gest a stiffness of �50–250 Pa promotes significantly more neurite

outgrowth compared to softer (�10 Pa) and stiffer substrates

(> 330 Pa).80,100-102 Both concentrations of iPN have properties near

this ideal range and may suggest the iPN can better encourage regen-

eration after neural injury compared to stiffer hydrogels, such as the

collagen I controls.

Hydrogels are materials that will swell in an aqueous environment

like in vivo conditions.12-14 Determining the swelling capacity in vitro

can provide information to help determine, for example, how much

material to inject into the spinal cord or brain such that the material

does not impart excessive pressure on the damaged tissue.11,103 Addi-

tionally, the swelling properties of a hydrogel are directly related to

other important characteristics, such as diffusivity and drug

release.82,83 The iPN hydrogel swelling ratios determined are within

range of other natural polymer hydrogels that are used for SCI and

peripheral nerve injury repair.11,104 To the best of our knowledge,

swelling properties of iPN have not been investigated previously.

Determining the in vitro degradation rate of a biomaterial scaffold

can provide useful information regarding how long the scaffold will last

without cellular influence. In vitro degradation studies suggested that

in vivo degradation of iPN (without deposition of new ECM by

transplanted cells) would be approximately 1 month or less because of

native enzyme presence. Compared to collagen I controls, the iPN mate-

rials experienced increased degradation, especially within the first week.

This may reflect the loss of loosely associated non-fibrillar proteins from

the hydrogel. The degradation profile determined in this study was lim-

ited, as there were no proteases or cellular influence. In vivo, it is likely

that the iPN hydrogels will degrade at a faster rate. However, if the iPN

is used to deliver bioactive molecules, it is likely that the molecules

would be released or become inactive by the time the hydrogel fully

degrades, deeming the hydrogel degradation profile acceptable.

It was determined that Schwann cell viability was greater than

80% in both 7.5 mg/ml iPN and collagen I hydrogels, suggesting that

the iPN is a biocompatible material based on previous materials that

have been immunologically tolerated in vivo.49 Furthermore, there

was no detected difference in the metabolic activity of Schwann cells

cultured in either material. These results also demonstrate that the

iPN could be a potential delivery vehicle for cell-based therapies.

Astrocytes cultured inside iPN hydrogels more readily spread out

and formed processes than those cultured inside collagen I hydrogels.

ImageJ semi-quantification also demonstrated a significantly increased

area covered by astrocytes as well as decreased circularity in iPN
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hydrogels compared to collagen I hydrogels. It should be noted that

fewer cells, in general, were seen in collagen hydrogel sections com-

pared to iPN hydrogel sections, even though the same number of cells

were initially seeded in all hydrogels. This higher density of cells

observed could indicate that the iPN hydrogel better supports astro-

cyte adhesion and growth, hence better survival through the culture

and processing conditions. These astrocyte spreading results are

promising, as astrocytes play an important role in regeneration after

CNS injury by migrating to compact the lesion center, isolating the

injury site to reduce the spread of inflammatory cells and their cyto-

toxic by-products, and restoring homeostasis.2,105,106 Although acti-

vated astrocytes are traditionally associated with formation of glial

scar after traumatic spinal cord and brain injury, which creates an

obstacle for neural regeneration,107 recent studies have actually

shown that the presence of astrocytes themselves, even in a scarring

context, are necessary for axon regeneration as they express a multi-

tude of factors that support axonal growth.108 Future studies could

include assessment of astrocyte spreading and cell-material interac-

tion over longer periods of time. Additionally, it would be useful to

understand how other neural cell populations, in particular neurons,

respond to the iPN hydrogel. Future experiments will more thor-

oughly focus on in vitro assessments of nerve regeneration, and even-

tually in vivo biocompatibility and efficacy.

The iPN hydrogel's injectability allows it to serve as a delivery vehi-

cle for different combinatorial neural repair strategies. If the iPN may be

combined with pharmaceutical approaches, it is important to understand

release profiles for compounds from the material. To preliminarily under-

stand drug release from iPN hydrogels, FITC-dextran of a comparable

size to neurotrophic factors used in neural injury repair109-111 (20 KDa)

was loaded into the iPN and its release was measured over time. The

iPN hydrogels experienced a burst release of almost 90% of the loaded

FITC-dextran within the first 6 h. It is likely that release of actual growth

factors would be delayed, as the ECM has been shown to sequester and

bind to growth factors.112-114 However, to achieve more regulated and

sustained release, encapsulation in PLGA microparticles was employed.

A three-day elution study was performed on FITC-dextran-loaded PLGA

microparticles encapsulated in iPN hydrogels. It was found that the

amount of FITC-dextran released at any given time point was less than

half that of free FITC-dextran or free-floating particle controls. Although

FITC-dextran is similar in size to neurotrophic factors, it is possible that

such factors are more difficult to encapsulate and assess due to low

in vivo stability.115,116 Future studies will focus on encapsulation and

release of neurotrophic factors such as BDNF and GDNF, and their

physiological effects in vitro and in vivo. However, the work thus far

shows promise for the use of iPN hydrogels in combinatorial therapies

for neural injuries.

5 | CONCLUSION

In this work, we have demonstrated that injectable, thermally gelling

hydrogels have successfully been fabricated from a reoptimized, novel

decellularization process (SDD method) that has been shown to

preserve ECM and remove cellular content. The iPN hydrogels form in

under 20 min and have mechanical properties similar to native neural

tissue. The in vitro biocompatibility of the iPN hydrogels has been

demonstrated through Schwann cell viability experiments. Addition-

ally, iPN hydrogels promote greater astrocyte spreading compared to

collagen I hydrogels, demonstrating that the iPN possesses potential

advantages over collagen I hydrogels for neural cell growth. Finally,

the iPN is a promising delivery vehicle of drug-loaded microparticles

for a combinatorial approach to neural injury therapies. Overall, iPN

hydrogels generated from SDD method decellularized nerves repre-

sent a promising biocompatible platform for development of novel,

multi-faceted therapies for neural injury repair.
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