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Polymers have been emerging to be the cornerstones for
therapeutic applications as well as the largest and versatile
class of biomaterials. Synthetic polymers can be designed and
synthesized with a broad variety of structures and appropriate
physical and chemical properties, which are of increasing
interest in a wide range of biomedical applications as diverse
as tissue engineering, drug delivery, therapeutics, diagnostics,
and so on.

Since the last decade, the methods of polymer synthe-
sis, processing, and characterization are developing rapidly,
which bring both challenges and opportunities to design
novel polymeric biomaterials as well as to understand the bio-
logical behaviors between biological systems and polymeric
materials. Therefore, we launch this special issue, including
two review articles and four research articles, to summarize
the application of synthetic polymers in biomedical engi-
neering and to illustrate the new development of polymeric
biomaterials.

One review article “Strain and Vibration in Mesenchymal
Stem Cells” focuses on the effect of various culture conditions
and strain or vibration parameters to review the response of
mesenchymal stem cells to vibration and cyclic tension and
then discuss how polymer scaffolds influence cell response
to vibration and strain. The other review article “Scaffolds
for Pelvic Floor Prolapse: Logical Pathways” highlights the
recently developed macroporous monofilament meshes and
electrospinning emerged method, which may fill the gap in
the market to treat pelvic organ prolapse. These two review
articles indicate the importance of synthetic polymer scaffold
in basic research and therapeutics, respectively.

The research articles in this issue extend the application
of synthetic polymers in both basic research and therapeu-
tics. Synthetic poly(lactic-co-glycolic acid) (PLGA) is widely
considered as a base material for biomedical applications due
to its good biocompatibility and degradability. In the arti-
cle “Influence of Processing Conditions on the Mechanical
Behavior and Morphology of Injection Molded Poly(lactic-
co-glycolic acid) 85:15,” an overview is provided among pro-
cessing conditions, morphology, and mechanical property
relationship of injection molded PLGA. Based on the study of
mechanics, PLGA is further processed by injection molding
as craniofacial bioresorbable medical devices in the article
“Effect of Injection Molding Melt Temperatures on PLGA
Craniofacial Plate Properties during In Vitro Degradation.”
The mechanical and physicochemical properties of the PGA
plates are evaluated in detail during in vitro degradation.
G. Rijal et al. fabricated 3D porous scaffolds via PLGA and
another biodegradable synthetic polymer polycaprolactone
(PCL) in the article “Application of Synthetic Polymeric
Scaffolds in Breast Cancer 3D Tissue Cultures and Animal
Tumor Models.” It has proven that cancer cells grown on
3D polymeric scaffolds exhibit distinct survival, morphology,
and proliferation compared to those on 2D polymeric sur-
faces. Tumor models produced via these 3D scaffolds have
obvious advantages in anticancer drug screening, which can
facilitate the observations of cancer biomarker expression,
molecular regulation of cancer progression, and drug effica-
cies across tumors at similar sizes and developmental stages.
Polyethylene glycol (PEG) is another one of the most com-
monly used synthetic polymers for biomaterials. In the article
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“Efficient Self-Assembly of mPEG End-Capped Porous Silica
as a Redox-Sensitive Nanocarrier for Controlled Doxorubicin
Delivery,” porous nanosilica particles are modified with PEG
shell via disulfide bridges and supramolecular interaction for
drug delivery, with benefits of enhanced drug loading capac-
ity and decreased risk of systemic toxicity.

In summary, this special issue connects the synthetic
polymers to biomaterials science and engineering. We sin-
cerely hope that the readers enjoy reading the presented
original research work in this special issue and get inspired for
their future studies.

Acknowledgments

We appreciate the great effort and the kind contributions
from the authors and reviewers to this special issue.

Qiang Wei
Nan-Nan Deng
Junling Guo

Jie Deng

International Journal of Biomaterials



Hindawi

International Journal of Biomaterials
Volume 2018, Article ID 1575438, 8 pages
https://doi.org/10.1155/2018/1575438

Research Article

Efficient Self-Assembly of mPEG End-Capped
Porous Silica as a Redox-Sensitive Nanocarrier for
Controlled Doxorubicin Delivery

Anh Khoa Nguyen,">* Thi Hiep Nguyen,* Bui Quoc Bao,"*
Long Giang Bach,"’ and Dai Hai Nguyen ("

' Graduate University of Science and Technology, Vietnam Academy of Science and Technology, Hanoi 100000, Vietnam
*Institute of Applied Materials Science, Vietnam Academy of Science and Technology, 01 TL29, District 12,

Ho Chi Minh City 700000, Vietnam
3Tra Vinh University, No. 126, Nguyen Thien Thanh, Ward 5, Tra Vinh City, Tra Vinh Province 940000, Vietnam
*Tissue Engineering and Regenerative Medicine Group, Department of Biomedical Engineering, International University,
Vietnam National University-HCMC (VNU-HCMC), Ho Chi Minh City 70000, Vietnam
*Nguyen Tat Thanh University, 300A Nguyen Tat Thanh, District 4, Ho Chi Minh City 700000, Vietnam

Correspondence should be addressed to Dai Hai Nguyen; nguyendaihai0511@gmail.com
Received 5 December 2017; Accepted 24 January 2018; Published 1 March 2018
Academic Editor: Nan-Nan Deng

Copyright © 2018 Anh Khoa Nguyen et al. This is an open access article distributed under the Creative Commons Attribution
License, which permits unrestricted use, distribution, and reproduction in any medium, provided the original work is properly
cited.

Porous nanosilica (PNS) has been regarded as a promising candidate for controlled delivery of anticancer drugs. Unmodified PNS-
based nanocarriers, however, showed a burst release of encapsulated drugs, which may limit their clinical uses. In this report,
PNS was surface conjugated with adamantylamine (ADA) via disulfide bridges (-SS-), PNS-SS-ADA, which was further modified
with cyclodextrin-poly(ethylene glycol) methyl ether conjugate (CD-mPEG) to form a core@shell structure PNS-SS-ADA@CD-
mPEG for redox triggered delivery of doxorubicin (DOX), DOX/PNS-SS-ADA@CD-mPEG. The prepared PNS-SS-ADA@CD-
mPEG nanoparticles were spherical in shape with an average diameter of 55.5 + 3.05 nm, a little larger than their parentally PNS
nanocarriers, at 49.6 + 2.56 nm. In addition, these nanoparticles possessed high drug loading capacity, at 79.2 + 3.2%, for controlled
release. The release of DOX from DOX/PNS-SS-ADA@CD-mPEG nanoparticles was controlled and prolonged up to 120 h in PBS
medium (pH 7.4), compared to less than 40 h under reducing condition of 5mM DTT. Notably, the PNS-SS-ADA@CD-mPEG
was a biocompatible nanocarrier, and the toxicity of DOX was dramatically reduced after loading drugs into the porous core. This
redox-sensitive PNS-SS-ADA@CD-mPEG nanoparticle could be considered a potential candidate with high drugloading capacity
and a lower risk of systemic toxicity.

1. Introduction

Over the last several years, an increased amount of porous
nanosilica (PNS) has been designed and developed owing to
its high biocompatibility and biodegradability, tunable pore
size, controllable morphology and easily modifiable surfaces,
high chemical and thermal stabilities, straightforward prepa-
ration, and ability to carry various guest molecules with the
porous pores [1-4]. The unique structure of PNS allows it

to effectively encapsulate different guest molecules within
the pores and protect them from enzymatic degradation [5-
7]. However, encapsulated drugs would burst release from
the unmodified PNS nanoparticles, leading to the loss of
drugs that reach cancerous cells. In order to overcome this
limitation, multifunctional polymer-modified PNS is one of
the most critical insights; both interfacial properties of the
modified nanocarriers can be engineered and thermal and
mechanical features of polymers can be improved at the same
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FIGURE I: Schematic showing the formation of redox-responsive DOX/PNS-SS-ADA@CD-mPEG nanocarriers.

time. Nevertheless, this preparation can control and delay the
rate of drug release instead of deciding when or where to
deliver drugs [7, 8].

Recently, stimuli-sensitive PNS has attracted enormous
interests due to its ability to respond to both internal stimuli,
such as pH, redox potential, and temperature, and external
stimuli, including light, magnetic fields, and ultrasound.
Therefore, encapsulated drugs can be triggered by using
appropriate stimuli [9-13]. The redox stimulus among those
stimuli is one of the most effective strategies because the con-
centration of glutathione (GSH) in cancer cells (2-10 mM)
is 100 to 1000-fold higher than that in normal healthy cells
(1-2 uM). This phenomenon could offer an opportunity for
redox-responsive system to release anticancer drugs at the
targeted tumor sites, in order words [14-16]. For instance,
Wang et al. modified PNS with polyethylene glycol (PEG)
through disulfide bonds to achieve on-demand controlled
release of a model drug rhodamine B (RhB). The results of
in vitro assay showed that RhB was released dramatically
under 10 mM GSH condition. Plus, the biocompatibility of
the modified PNS nanoparticles increased with increasing
surface PEG density [17, 18]. Wang and coworkers also
developed a redox and pH dual-responsive nanocarrier for
site-specific drug delivery, in which poly(acrylic acid) (PAA)
was grafted in the outlets of PNS through cleavable disulfide
bonds. RhB was also significantly released in GSH condition
or pH 5.0 PBS. This PNS-SS-PAA nanoparticle exhibited
dual-responsive drug release property and can be further
used as a promising candidate for the treatment of cancer [19].
The complex structure of modified PNS delivery systems,
in particular, was capable of loading high levels of drugs.
Notably, if the pore entrances of PNS nanosystems have firstly
been blocked by caps before drug encapsulation, an amount
of nonencapsulated drug would increase [7].

In this study, we prepared potential PNS-based redox-
responsive nanocarriers for controlled drug release. The
surface of PNS was first modified with adamantylamine

(ADA) via disulfide linkages (-SS-) and further function-
alized with cyclodextrin-poly(ethylene glycol) methyl ether
conjugate (CD-mPEG) via a strong complexation of ADA
and CD, PNS-SS-ADA@CD-mPEG. Furthermore, DOX was
used to evaluate drug loading into the PNS-SS-ADA@CD-
mPEG nanoparticles (Figure 1). The obtained samples were
characterized by proton nuclear magnetic resonance ('H
NMR), Fourier transform infrared (FTIR), thermogravimet-
ric analysis (TGA), N, adsorption-desorption (BET), and
transmission electron microscope (TEM). Especially, dithio-
thretol (DTT) was used to reduce —-SS- in PNS-SS-ADA@CD-
mPEG. Additionally, MTT assay was performed to determine
whether the PNS-SS-ADA@CD-mPEG nanoparticle may
reduce the toxicity to HeLa cells of DOX. This study is
expected to create a redox-sensitive nanocarrier with high
drug loading capacity and low systemic toxicity for controlled
drug delivery.

2. Materials and Methods

2.1. Materials. Tetraethyl orthosilicate (TEOS, 98%), p-tolu-
enesulfonyl chloride (TsCl), ADA, doxorubicin (DOX, 99%),
mPEG (Mw 5000), DTT, 1-ethyl-3-(3-dimethylaminopropyl)
carbodiimide (EDC, 97%), N,N-dimethyl formamide
(DMEF), and ethylenediamine (EDA, 99%) were purchased
from Sigma-Aldrich (St. Louis, MO, USA). Cetyltrimeth-
ylammonium bromide (CTAB, 99%) was purchased from
Merck (USA). DTDP (99%), 3-aminopropythiethoxysilane
(APS, 99%), and 4-nitrophenyl chloroformate (PNC, 97%)
were purchased from Acros Organics (Geel, Belgium). 3-CD
was purchased from TCI Co. (Tokyo, Japan). All chemicals
were used as received without further purification.

2.2. Preparation of PNS-SS-ADA. According to the literature
with minor modification, the overall process of PNS-SS-
ADA preparation can be described in four main steps [7].
(1) the synthesis of PNS was performed by sol-gel method.
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Briefly, deionized water (diH,0, 64 mM), ethanol (0.2 mol),
CTAB (71mmol), and 2.8% NH; solution (0.9 mmol) were
mixed at 60°C under stirring for 30 min. TEOS solution
(35.8 mmol) was added dropwise into the surfactant solution
under constant stirring, and the reaction was continued for
2h and then filtered. The filtrate was dialyzed using a dialysis
membrane (MWCO 6-8kDa, Spectrum Laboratories, Inc.,
USA) against diH,O for 4 days at room temperature and
later lyophilized to collect PNS. (2) The preparation of PNS-
NH, was carried out by mixing APS (5.7 mmol) and PNS (1g)
dissolved in methanol (4 mL); the reaction was kept at 30°C
for 8 h before starting sonication for 30 min. Thus, the solu-
tion was dialyzed for 4 days against 2 M acetic acid, ethanol
(1v/v, 250mL), and then immersed into diH,O for a day.
The solution was freeze-dried to form PNS-NH, as a white
powder. (3) The prepared PNS-NH, (1g) and EDC (0.14 mL)
were dissolved together into diH,O (20mL) for 10 min.
Thereafter, DTDP (0.77 mmol) dissolved in 20 mL of DMF
was added to the mixture and the reaction was maintained
for 24 h. The samples were purified by a dialysis membrane
(MWCO 6-8 kDa) against diH,O at room temperature for 4
days, followed by lyophilizaytion to obtain PNS-SS-COOH.
(4) The obtained PNS-SS-COOH (1g) and ADA solution
(0.77 mmol) were mixed together under stirring, followed by
the addition of EDC (0.64 mmol). The reaction was stirred
at room temperature for 2h and filtered. The sample was
dialyzed at room temperature and finally lyophilized to get
PNS-SS-ADA.

2.3. Preparation of CD-mPEG Conjugate and DOX/PNS-SS-
ADA@CD-mPEG. The synthesis of CD-mPEG was carried
out in four main steps [7]: (1) mPEG-NH, was fabricated
under controlled temperature and vacuum conditions. Ini-
tially, mPEG (0.16 mmol) was melted down at 65°C under
vacuum. Thus, PNC (0.19 mmol) was added to the above
mPEG solution under constant stirring for 6 h, followed by
the addition of 20 mL of THF solution. The obtained mPEG-
PNC was gently dropped into EDA solution (0.23 mmol)
and the mixture was stirred at room temperature for 24 h.
The solution was dialyzed using dialysis membrane (MWCO
3.5kDa) and then lyophilized to obtain mPEG-NH,. (2) f3-
CD (26.4 mmol) and 10 mL of NaOH solution (8.2 M) were
both dissolved in diH, O (200 mL) under constant stirring for
10 min. TsCl (26.4 mmol) dissolved in 15 mL of acetonitrile
was added to the mixture and the reaction was maintained
at 25°C for 2h. The pH value of the solution was adjusted
to 8.0. The solid product was collected at 5-8°C for 24 h,
achieved under vacuum at room temperature, and dried at
70°C for 2-3 days. (3) In order to synthesize CD-NH,, CD-
OTs (1mmol) was dispersed in 30 mL of DMF under stirring
condition, followed by the addition of EDA (30 mmol). The
reaction was carried out for 24 h at 75°C under conditions of
stirring and nitrogen flushing. The mixture was evaporated
and precipitated in acetone solution (500 mL) for several
times and, in addition, the solid product was later dried
under vacuum to obtain CD-NH,. (4) Both mPEG-NH,
and CD-NH, were used with the support of EDC chemistry
to obtain CD-mPEG. In detail, CD-NH, (74 pmol) and
EDC (0.09 mmol) were dissolved in 10 mL of diH,O under

constant stirring, followed by the addition of mPEG-NH,
(0.1mmol) into the above mixture. After 24 h, the solution
was filtered and dialyzed (MWCO 6-8kDa) for 4 days and
finally freeze-fried to collect CD-mPEG for further synthesis.

DOX was encapsulated into the PNS-SS-ADA nanoparti-
cle by a sonication method. First, 5mg of DOX and 20 mg
of PNS-SS-ADA were stirred in diH,O and sonicated for
10 min. Next, CD-mPEG solution was added to the mixture,
sonicated for 10 min, and stirred overnight. The sample was
further purified by dialysis membrane (MWCO 3.5kDa)
against diH, O for 3 h and then lyophilized.

To prepare the empty PNS-SS-ADA@CD-mPEG nano-
particles, the same procedure was employed except the
addition of DOX.

2.4. Characterization. Bruker Avance 500 (Bruker Co., USA)
was used to record proton NMR spectroscopy of PNS-SS-
ADA and CD-mPEG using D,O as a solvent. FTIR spectra
of PNS, PNS-SS-ADA, and PNS-SS-ADA@CD-mPEG were
recorded on a Bruker Equinox 55 FTIR (Bruker Co., USA)
in order to investigate the presence of SS-ADA and CD-
mPEG on the surface of PNS nanoparticles. TGA was carried
out using TG Analyzer (Perkin Elmer Pryris 1, USA). N,
adsorption-desorption isotherms were measured using a
NOVA 1000e system (Quantachrome Instruments, USA).
The samples were outgassed for 3h at 150°C before the
measurements. Morphology and size of PNS and PNS-SS-
ADA@CD-mPEG nanoparticles were imaged by TEM using
JEM-1400 (JEOL, Tokyo, Japan) at an accelerating voltage of
300 kV. The samples for TEM observations were prepared by
placing a drop of solution in diH, O (I mg/mL) onto a carbon-
copper grid (300 mesh, Ted Pella, Inc., USA) and air-dried for
10 min.

2.5. DOX Loading Contents and In Vitro DOX Release.
The DOX-loaded PNS-SS-ADA@CD-mPEG (DOX/PNS-SS-
ADA@CD-mPEG) nanocarriers were prepared using equi-
librium dialysis. The DOX loading efficiency (DLE) and
DOX loading capacity (DLC) were quantified indirectly from
the amount of unloaded DOX (W{;_pox), which was evalu-
ated using a UV-Vis spectrophotometer (NIR-V670, JASCO,
Japan). Initially, fresh DOX was stirred in dH,O to obtain
a series of different known concentrations (0-60 yg/mL),
which were used as standard samples. The absorbance of the
standard and dialysis solutions was recorded at 495 nm using
a V-750 UV/Vis spectrophotometer (Jasco Co., Tokyo, Japan).
The following equations were used to calculate the DLE and
DLC:

5-W,
DLE (%) = w % 100,

(5 - Wy pox) (1)

DLC (%) =
(Wens ss Apa@cD-mpEG + 5 =~ Wy pox)

* 100,

where 5mg is the initial amount of DOX for loading exper-
iment; Wy;_pox is the total amount of unloaded DOX in the
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FIGURE 2: 'H NMR spectra: PNS-SS-ADA (a); CD-mPEG (b).

dialysis solution; Wpys_ss.apaecp-mpeg 18 the dried weight of
polymer in the nanocarrier.

DOX release kinetics from DOX/PNS-SS-ADA@CD-
mPEG nanocarriers were conducted in PBS (10mM, pH
7.4). Each sample (1mL) was independently transferred into
dialysis bags (MWCO 3.5kDa). These sample bags were
immersed in fresh media (14 mL, PBS, and pH 74) under
constant stirring at 37°C. At specific time intervals, the release
medium (14 mL) was collected and an equivalent amount
of fresh medium was added. The amount of DOX released
was determined using UV-Vis spectrophotometer as men-
tioned previously [20], especially, the release of DOX from
DOX/PNS-SS-ADA@CD-mPEG under reducing condition
(5mM DTT).

2.6. MTT Viability Test. In order to evaluate the cytotoxic-
ity of DOX/PNS-SS-ADA@CD-mPEG, the MTT assay was
carried out. HeLa cells (ATCC, Manassas, VA, USA) were
seeded in wells of 96-well plates (Sigma-Aldrich Co., St.
Louis, MO, USA) with a density of 1 x 10* cells/well in
130 uL of DMEM (Dulbeccos Modified Eagle’s medium,
Acros Organics, Geel, Belgium) supplemented with 10% Fetal
Bovine Serum (FBV) and 1% penicillin-streptomycin, and
cultured at 37°C for a day. The media were removed, and
thus the cells were incubated with media containing various
sample concentrations for later 48 h, followed by removing
media and washing twice with PBS.

MTT solution (25uL, 2mg/mL) and culture medium
(130 uL) were added to each well. The cells were cultured for
further 3 h, followed by adding DMSO (130 L) into each well
to dissolve the precipitated purple formazan in 15 min. The
samples were then transferred into new transparent 96-wells
plates and the absorbance at 570 nm was recorded using a
multiplate reader (SpectraMax M2E, Molecular Devices Co.,
USA).

2.7, Statistical Analysis. The data were expressed as mean
+ standard deviation. The statistical data evaluation was
performed using Microsoft® Excel.

3. Results and Discussion

3.1 Characterization of PNS-SS-ADA@CD-mPEG. PNS na-
noparticles were synthesized using the sol-gel technique

(a)
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FIGURE 3: FTIR spectra: PNS (a) [7]; PNS-SS-ADA (b) [7]; PNS-SS-
ADA@CD-mPEG (c).

reported in previous literature [21]. Figure 2 shows the proton
NMR with assigned protons of PNS-SS-ADA and CD-mPEG.
The peak at 4.67 ppm corresponded to D,0O as a solvent.
As shown in Figure 2(a), protons at 3.35ppm (peak A),
2.56 ppm (peak B), 2.92 ppm (peak C), 1.83-2.03 ppm (peak
D), 4.18 ppm (peak E), and 3.75 ppm (peak F) were assigned
to CH,-NH, CH,-CO, CH,-SS, H of ADA, OH-Si, and CH,-
OSi groups, respectively. The presence of all these signals
indicated the successful preparation of PNS-SS-ADA.

The "H NMR spectrum of CD-mPEG conjugate presents
peaks at 3.42 ppm (peak A), 3.45-3.94 ppm (peak B and E),
4.23 ppm (peak C), 5.10 ppm (peak F), and 2.72 ppm (peak
D), which corresponded to OCH;, O-(CH,),-O of mPEG
skeleton and =C-OH of 3-CD, CH,COONH of mPEG, O-
CH-O of B-CD, and NH-(CH,),-NH, respectively. These
results indicated the success of the synthesis of CD-mPEG.

In addition, the successful conjugation of CD with mPEG
was evaluated by FTIR analysis (Figure 3). As shown in the
FTIR spectrum of PNS (Figure 3(a)), a band at 1615 cm™! was
attributed to the OH bending vibration of water molecules
on the surface of PNS. The large sharp peak at 1093 cm™
and peak at 813cm™' were both assigned to the stretching
modes of the siloxane framework, which is the asymmetric
stretching frequency of Si-O-Si. Additionally, a broad band
observed at 3417 cm™' was associated with OH stretching
frequency for the silanol group. These adsorption bands
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FIGURE 4: TGA curves: PNS (dashed curve); PNS-SS-ADA (double
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still exist in the FTIR spectra of PNS-SS-ADA (Figure 3(b))
and PNS-SS-ADA@CD-mPEG (Figure 3(c)). When PNS was
immobilized with ADA, the characteristic absorption band at
1698 cm ™" was attributed to the adsorption of carboxyl group
and two new bands of amantadine, indicating the successful
conjugation between ADA and PNS [7]. Figure 3(c) shows
the intensity of IR peak appeared at 604 cm™, which was
attributed to -SS- dihedral bending of DTDP. The visible
absorption peaks at 1696 cm ™' and 1608 cm ™" were ascribed
to the C=0 stretching frequency (amide I) and N-H bending
vibration in alkyl chains of mPEG. These results suggested
that PNS-SS-ADA@CD-mPEG was prepared [7].

3.2. Particle Properties of PNS-SS-ADA@CD-mPEG. 'The typ-
ical TGA curves of PNS (dotted curve), PNS-SS-ADA (dash-
dotted curve), and PNS-SS-ADA@CD-mPEG (solid curve)
are shown in Figure 4. The temperature was ramped up 800°C
with a heating rate at 10°C/min. As shown in the TGA curve
of PNS, only 3.33% weight loss was observed caused by the
loss of physisorbed water. There is no statistically significant
difference between the weight loss of PNS and PNS-SS-ADA,
approximately 2.27%, which may be related to the thermal
decomposition of outer layer SS-ADA. By contrast, the total
weight loss of PNS-SS-ADA@CD-mPEG was 57.33%, which
was much higher than that of PNS (3.33%) and PNS-SS-ADA
(5.60%). This increased portion could be attributed to the
CD-mPEG conjugate. Furthermore, there remained 42.67%
of weight that may be due to the PNS residue, suggesting
that the surface of PNS-SS-ADA was immobilized with CD-
mPEG.

The N, adosrption-desorption isotherms of PNS, PNS-
SS-ADA, and PNS-SS-ADA@CD-mPEG are shown in Fig-
ure 5. These isotherms exhibit a type IV hysteresis loop with
type H, hysteresis loops at a relative pressure P/P, = 0.4-0.8,
which is caused by capillary condensation of mesoporous
adsorption [22]. There were significant differences in pore
volume (V,, cm’/g) among PNS, PNS-SS-ADA, and PNS-

SS-ADA@CD-mPEG, which are 710.40 cm*/g, 642.20 cm’/g,

750

600 A

450 +

300 -

Volume @ STP (cc/g)

Ju—
w1
(=)

0.0 0.3 0.5 0.8 1.0

Relative pressure, P/P,

O Adsorption
® Desorption

FIGURE 5: N, adsorption-desorption isotherms: PNS (a); PNS-SS-
ADA (b); PNS-SS-ADA@CD-mPEG (c¢).

and 324.87 cm®/g, respectively. The reduced V,, of the mod-
ified PNS indicated that the mesoporous structure of PNS
was affected by surface modification. These results could be
explained by the presence of the outer layer on the surface of
PNS nanoparticles.

The TEM image and typical particle size histogram fitted
by long normal distribution function of PNS and PNS-SS-
ADA@CD-mPEG are shown in Figure 6. The morphology
of both nanoparticles was spherical in shape, and their
particle sizes were also different, 49.6 + 2.56 nm for PNS and
55.5+3.05 nm for PNS-SS-ADA@CD-mPEG. This difference
was attributed to the presence of outer layer SS-ADA@CD-
mPEG on the surface of PNS nanoparticles. Previous studies
have indicated that nanoparticles less than 20-30 nm are
rapidly eliminated by renal excretion, whereas nanoparticles
in the range of 30-150 nm can stay in the circulatory system
for a longer period of time [23]. One of the most critical
insights of PNS is that the bioactive molecules can be signif-
icantly loaded into the porous pores of silica nanoparticles.
More importantly, the release of DOX from DOX/PNS-SS-
ADA@CD-mPEG can be controlled and prolonged due to the
presence of SS-ADA@CD-mPEG. These results suggest that
the modified PNS-SS-ADA@CD-mPEG nanoparticles have
great potential as an efficient and promising candidate for
controlling drug release.

3.3. Loading and In Vitro DOX Release. The DOX-loaded
formulations were prepared using equilibrium dialysis tech-
nique. The DLE and DLC of PNS-SS-ADA@CD-mPEG were
found to be 79.2 £ 3.2% and 13.8 + 2.7%, respectively. These
results might be due to the loading of DOX molecules into the
PNS-SS-ADA nanoparticles before CD-mPEG conjugation,
which prevents the diffusion of DOX to the solution. These
findings also demonstrated that PNS-SS-ADA@CD-mPEG
nanoparticles have the potential to increase drug encapsula-
tion.
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FIGURE 6: TEM images and particle size histograms: PNS (a, b); PNS-SS-ADA@CD-mPEG (c, d) fitted by log-normal distribution function,

respectively.

To further evaluate the redox responsiveness of the
modified PNS-SS-ADA@CD-mPEG nanoparticles, in vitro
release profile of DOX from DOX/PNS-SS-ADA@CD-mPEG
nanocarriers was performed under reducing condition of
5mM DTT. The release rate of the nanocarriers is expected to
increase by the addition of DTT-reducing agent used to break
down disulfide bonds of DOX/PNS-SS-ADA@CD-mPEG
nanoparticles [7, 24, 25]. Figure 7 shows the DOX release
behavior of DOX/PNS-SS-ADA@CD-mPEG nanoparticles
with and without DTT over a period of 120 h. It can clearly
be seen that, in the presence of DT'T, the release of DOX from
DOX/PNS-SS-ADA@CD-mPEG was significantly faster than
that under the physiological condition (pH 7.4). During
the first 2h, the cumulative release amount of DOX was
approximately 39.6% as compared with 10.7% in the pH 7.4
PBS buffer. Furthermore, around 89.3% of the total drug
amount was released after 120h for DTT condition; by
contrast, 44.3% of DOX was observed within the same time

frame in the absence of DTT. The DOX-loaded formulation
showed a long-term stable drug release profile up to 120 h in
PBS condition (pH 7.4) and a redox-responsive drug release
behavior in the presence of DTT. These results indicated the
functionalization of disulfide bonds on the surface of PNS,
which might undergo swift oxidation and accelerate the DOX
release rate in the intracellular region.

3.4. In Vitro Cytotoxicity. The biocompatibility of nano-
materials plays a crucial role in their potential biomedi-
cal applications [26, 27]. In this study, the in vitro cyto-
toxicity effect of the prepared PNS-SS-ADA@CD-mPEG,
free DOX,and DOX/PNS-SS-ADA@CD-mPEG against HeLa
cells was determined. As shown in Figure 8, PNS-SS-
ADA@CD-mPEG exhibited cytocompatibility towards the
cells with approximately 98% cell viability at 100 pug/mL
for 96h. In contrast, free DOX showed acute toxicity to
the cell line; the cell viability dropped to less than 20%
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FIGURE 7: In vitro release profiles of DOX from PNS-SS-ADA@CD-
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FIGURE 8: Viability of HeLa cells incubated with PNS-SS-ADA@CD-
mPEG (100 yg/mL), free DOX (5pug/mL), and DOX/PNS-SS-
ADA@CD-mPEG (eq. DOX conc.) for 24, 48, and 96 h. The cells
were exposed to the samples for the indicated times. The data
represent the mean values + the standard deviation (SD) (n = 4).

after 96 h. The DOX/PNS-SS-ADA@CD-mPEG showed the
improvement in the cytocompatibility compared with DOX
alone, at 70% cell viability for 24 h. The lower cytotox-
icity of DOX/PNS-SS-ADA@CD-mPEG nanoparticles can
be attributed to their extended drug release characteristic.
These results confirmed the promising application of PNS-
SS-ADA@CD-mPEG nanocarriers with low systemic toxicity
for controlled drug delivery.

4, Conclusion

In this report, PNS-SS-ADA@CD-mPEG nanoparticles
have been successfully prepared via the conjugation
between PNS-SS-ADA and CD-mPEG. The formed PNS-
SS-ADA@CD-mPEG existed in a spherical shape with an

average diameter of 55.5 + 3.05nm and acted as potential
nanocarriers for effectively loading and controlled release of
DOX. The prepared PNS-SS-ADA@CD-mPEG nanocarriers
showed a high cell viability against HeLa cancer cells. DOX
was significantly encapsulated into the formed PNS-SS-
ADA@CD-mPEG nanoparticles, at 79.2 + 3.2%. Moreover,
the release of DOX from DOX/PNS-SS-ADA@CD-mPEG
nanocarriers was controlled and delayed up to 120h in
PBS buffer (pH 7.4), compared with less than 40 h in buffer
with 5mM DTT. The developed PNS-SS-ADA@CD-mPEG
nanoparticle could be a potential candidate for controlling
the release of anticancer drugs with high drug loading
efficiency and less systemic cytotoxicity.
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Pelvic organ prolapse (POP) has borrowed principles of treatment from hernia repair and in the last two decades we saw
reinforcement materials to treat POP with good outcomes in terms of anatomy but with alarming complication rates. Polypropylene
meshes to specifically treat POP have been withdrawn from market by manufactures and a blank space was left to be filled with
new materials. Macroporous monofilament meshes are ideal candidates and electrospinning emerged as a reliable method capable
of delivering production reproducibility and customization. In this review, we point out some pathways that seem logical to be

followed but have been only researched in last couple of years.

1. Introduction

Greeks created the term “prosthesis” or “to place before.”
Hernia repair usually consists of placing meshes to assist
the suture control of protrusions [1]. In modern history,
Theodore Billroth in 1857 inspired all prosthesis designers
with his proposition “If we could artificially produce tissue
of the density and toughness of fascia and tendon, the secret
of the radical cure of the hernia repair would be discovered”
[2], but its concept of repair dates back to Greeks who first
described silver strands woven sutured with gold wire to act
as a prosthesis [3].

Plastic development revolutionized hernia repair firstly
with nylon woven prosthesis, abandoned due to loss of
strength caused by hydrolysis, followed by other materials as
polypropylene (PP), polytetrafluorethylene (PTFE), Dacron,
and polyethylene (PE) [4].

In anatomical terms, hernias are quite similar to pelvic
organ prolapse where one or more vaginal compartments
descend downwards vaginal opening causing vaginal bulging
[5] and this similarity brought the same treatment concepts
from one to another [6-8]. What was ignored was the thin
layer of mucosae capable of covering an occasional prosthesis,
the elasticity inherent to the organ (specially during sexual
activity), and exuberant vaginal local florae [5, 7].

2. Pelvic Organ Prolapse

In recent years, development of a new kind of mesh specif-
ically designed for vaginal surgery earned some interest
because of a major withdraw from mesh market by leading
industries after FDA safety warnings on complications of
polypropylene in prolapse surgery and due to massive losses
on court due to litigation [8-10].

POP is a high prevalent disease occurring in up to 37% of
asymptomatic women [11], with lifetime risk of intervention
up to 80 years estimated to be 11 to 20% [12, 13] and
reoperation rates due to symptoms around 30% [14].

With such high prevalence and failure rates with conven-
tional treatments up to 56% [15], it was a natural movement
for doctors and researchers to start developing reinforce-
ments to sutures performed during vaginal compartments
treatment.

3. Reinforcements Subtypes

The materials used to reinforce POP treatment can be autol-
ogous, heterologous, synthetic absorbable, or inabsorbable
[7]. The initial tests with fascia lata, acellular dermis, and
rectus sheet did not show superior results to conventional
techniques, with 38% failure [16], and are limited by donor
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site, pain, surgery time increase, and quality/quantity variable
[17, 18] with the clear advantage to not trigger any immune
response. Heterologous grafts keep the same or inferior
results potentially acting as a carrier to viral and prion
diseases [7, 8].

Among synthetic reinforcement, the polyglactin is shown
to be absorbed without matrix remodelling and failure before
2 years of implant [19-21] while inabsorbable polypropy-
lene (most widely used) showed 80% success compared to
traditional techniques in short time [22] but with midterm
complications such erosions/extrusions around 25% [23]
causing FDA to release safety warnings in 2008 and 2011 [9,
10] triggering ethical legal problems and prompting leading
companies to withdraw from market [8].

Considering limited results with classical approaches and
materials, especially after withdrawing of synthetic meshes
manufacturers, a blank space emerged to be filled with new
materials.

4. Synthetic Meshes Classification

Meshes are a subtype of synthetic matrices with organized
woven or knitted pattern. Amid in 1997 classified meshes
accordingly to its porosity and filaments structure [25],
predicting complications as bigger pores allow higher vas-
cularization, fibroblasts ingrowth, and immune cells infil-
tration increasing biocompatibility and infection resilience
[26]. On the other way, multifilament fibres (with space
between filaments inferior to 10 microns) and microp-
orous meshes are less susceptible to cellular ingrowth and
macrophage/lymphocyte action (they measure around 9-20
microns) being prone to bacterial colonization.

Theoretically, an ideal material would be a macroporous
monofilament type I mesh of Amid [27-29] and practical
applications confirm such statement with types II, III, and IV
being used for POP and SUI with short-term complication
rates around 20-30% [22, 27, 30].

5. Synthetic Matrices Production

There are several methods for higher porosity matrices
production, like self-assembly [31], phase separation, sol-
vent casting and particulate leaching, freeze drying, melt
moulding, gas foaming, and solid free-forming [32]. All of
them with reproducibility limitations and poor control of
characteristics such diameter of fibres and pore size, pore
geometry, and fibre orientation with electrospinning as an
alternative to surpass all these difficulties [33].

6. Electrospinning

Electrospinning is a physical phenomenon observed when
a high viscosity polymer solution is exposed to an intense
electric field in a recipient where the liquid is extruded in a
slow fashion through one small or multiple small orifices (i.e.,
spinneret). Usually such solution is made by a high molecular
weight polymer in a solvent with high vapour pressure (i.e.,
capable of easily evaporate in a room temperature) and
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low conductivity with high dielectric constant (i.e., high
resistance to stress before brake and allow passage of electric
current) [34].

Besides relatively high viscosity of material used, under
high electric field produced by a high tension power source,
a superficial tension rupture at the tip of the spinneret occurs
(usually a blunt tip needle). This rupture creates an instability
region causing stretching of viscous solution towards an
earthed collector, parallel to the lines of force of electric field,
producing micro/nanometric scale fibres in diameter. Such
fibres become dried after evaporation of solvent during its
pathway to the collector.

This process is known since the beginning of the last
century being observed by Rayleigh in 1897, detailed by
Zeleny in 1914, and patented by Formhals in 1934 for textile
production. Taylor, in his studies about electrostatics (1969),
described the jets produced by the technique (today called by
his name, Taylor’s cone), but electrospinning as a biomedical
application emerged only after the 1990s because of its price
and reproducibility, being one of the commonest methods of
matrix production in bioengineering.

Parameters controlled during electrospinning process
are classically divided into solution properties, controlled
variables, and environmental parameters [32]. The solution
properties included viscosity, superficial tension, conductiv-
ity, and molecular weight, while controlled variables are flow
rate, electric field intensity, collector distance to the end of
the tip of spinneret, size of the tip, and geometry of collector.
Environmental parameters are temperature, pressure, and air
speed [34].

From all described variables, the most important is the
solution concentration to determine, among other things, the
diameter of fibres.

7. Polymers

Polymers are big molecules produced by repetition of numer-
ous subunits called monomers and depending on the number
of types of repetitive units can be further classified as
homopolymers or copolymers. Its name derives from Greek
polus (i.e., lots of) and merossu (i.e., parts), and its physical
characteristics are dependent on the size and length of their
chain. Usually as polymer chain increases, its degradation
time is prolonged, and its viscosity, strength, and rigidity are
higher, being common to allude to it in terms of molecular
weight (minimum, maximum, and average value) [35].

They can be further subclassified as naturals or synthetics
and absorbable or inabsorbable. For bioengineering appli-
cations, there are necessary characteristics: their nontoxicity
(direct or indirect), nonimmunogenicity, noncarcinogenicity,
and biocompatibility (ability to integrate with living tissues).
Desirable characteristics are resilience to infection, low cost,
ability to be easily manufactured and stored, and absorp-
tion/degradation in a fashion that allows repopulation and
integration by living cells from target tissue and mechanical
properties compatible with target tissue function from day
0, during repopulation until its complete reabsorption (Fig-
ure 1) [24].
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FIGURE 1: Ideal biomechanical properties of biodegradable scaffolds
(adapted from Osman et al. [24]).

For each target tissue the desirable properties are dif-
ferent. For each polymer used in an implant, a drop in
its mechanical properties will occur proportionally to its
reabsorption and thus depends on its degradation speed and
its micro/nanostructure. Ideally, such characteristics to be
mimic should be known previously (ultimate tensile strength,
elasticity, and absorption time) and adjusted accordingly to
each new microenvironment.

Among the most common polymers electrospun are
polylactic acid (PLA), polyglycolic acid (PGA), polyhy-
droxybutyrate covalerate (PHBV), polycaprolactone (PCL),
chitosan, collagen, and polyurethanes (PU).

Aliphatic polyesters like polycaprolactone and polygly-
colic acid are materials extensively known since 1960 because
of its biocompatibility. They are hydrolysed and/or enzy-
matically digested to nontoxic subproducts. They usually
have high elastic modulus and tensile strength with poor
elongation (considered rigid polymers), great candidates for
tissue engineering [30].

Polyhydroxyalkanoates as poly(3-hydroxybutyrate-co-3-
hydroxyvalerate) (PHBV) are recently investigated in tis-
sue engineering because of its resilience to infection and
hydrolysis much like polyurethanes (PU) that additionally
have calcification resistance and are known in applications
as synthetic rubber for more than 30 years. Both present
longer absorption times when compared to polyesters being
PU known by its great ability to cope with strain.

8. Biomechanical Tests

There are no standard protocols for biomechanical testing of
vaginal tissues, being the best methodologies derived from
uniaxial tests (i.e., test performed only in one direction),
measured in a tensiometer stress-strain curves. Multiaxial
tests or biaxial tests potentially would reflect a model closer
to its real mechanical properties, but they are more complex
and demand specific software and special equipment making
its standardization even more complex than uniaxial tests.

Ultimate tensile strength

Elastic modulus
(Young modulus)

Stress (Pa)

Maximum elongation

Strain

FIGURE 2: Stress-strain example curve with elastic modulus, ultimate
tensile strength, and maximum elongation.

Briefly, the uniaxial biomechanical test consists of firmly
securing sample between two clamps connected to a ten-
siometer and a computer and distending the sample in
a controlled fashion. Previous known distance of clamps,
sample width and thickness, and constant uniaxial distention
of clamps (i.e., keeping the same orientation and speed of
force) until sample failure or test manually stops will provide
data to calculate its biomechanical characteristics.

The ultimate tensile strength is calculated dividing the
load applied to the sample (in Newtons, N) by the cross
section area of the sample being reported in N/m2 (Pascals).
Strain is calculated dividing elongation of the sample (in
meters, m) by its initial length between clamps (in meters,
m) resulting in a quotient without units or a percentage.
Commonly, such data is plotted on a graph and shows a
linear portion where tension is direct proportional to strain
(respecting Hooke’s Law) where strain is reversible or elastic
and then a plateau where elongation is irreversible or plastic
followed by an inflection (ultimate tensile strength) with
correspondence to X-axis defining maximum strain.

The example can be observed at Figure 2, the elastic mod-
ulus or Young modulus can be calculated from inclination
of linear portion of the stress-strain curve and it is inversely
proportional to elasticity of the sample.

To develop an ideal material for a target tissue, knowledge
of its properties is crucial and a few studies showed biome-
chanical properties for human tissues. The vast majority do
not normalize its data using cross section area exhibiting
values only in Newtons, preventing posterior comparisons
(7,36, 37].

9. Paravaginal Mechanical Properties

Choe et al. compared 2 x 5cm strips of fascia lata, dermis,
rectum sheet, and vaginal mucosae (measure commonly used
at sling surgeries [38]) in women operated for various reasons
[39] showing that fascia lata had the biggest tensile strength
(217 N), followed by human dermis (122 N) and rectum sheet
and vaginal mucosae (both with 42 N).

Lei et al. analysed 43 women after hysterectomy and cat-
egorized them in groups, premenopause and postmenopause
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TaBLE 1: Elastic modulus, maximum elongation, and ultimate tensile strength in women with and without prolapse (adapted from Lei et al.).

Control premenopause

Prolapse premenopause ~Control postmenopause Prolapse postmenopause

Elastic modulus

(MPa; mean + EPM) 6.65 +1.48
Maximum elongation

(mean + EPM) 1.68 + 0.11
Ultimate tensile strength 079 1 0.05

(MPa; mean + EPM)

9.45 £ 0.70 10.26 £1.10 12.10 £ 1.10
1.50 + 0.02 1.37 £ 0.04 1.14 £ 0.06
0.60 £ 0.02 0.42+0.03 0.27 £0.03

and with or without prolapse (Table 1), testing with uniaxial
tests tissues with 5mm x 25mm and plotting their stress-
strain curves establishing native values considered maximum
(premenopause) and minimum (postmenopause) obtaining
maximum elongation and elastic modulus references for
most publications in this field by being comparable to other
samples (i.e., normalized by cross section area) [40]. As
a critic to such conclusions it is important to notice that
samples tested were from vaginal mucosae closer to apex
and not from suspensory ligaments or mucosae closer to
cystocele/rectocele common defects.

10. Discussion

We do not know exactly how much is the demand in Newtons
for the pelvic floor, but we estimate forces acting on it to
be around 2,2 to 13,4 N/cm from stand still to stand with
Valsalva [41]. Meanwhile, we know that the best autologous
candidate—rectum fascia—could cope up to 16 N/cm with a
25% vertical strain [42].

It is important to highlight that tensile strength alone is
not capable of predicting success in reconstructive urogenital
surgery, and fascia lata and acellular dermis (both quite
strong) also have high relapse rate before 2 years of surgery
[19, 43] showing that, for biocompatible absorbable materials,
remodelling in the host is probably of higher importance than
the initial tensile strength of the implant [44].

We still do not have a substitute for paravaginal weakened
tissues with native characteristics in terms of resistance and
flexibility and data have shown that we are not close to
find it [9, 10, 23, 45], notably a potential replacement for
polypropylene meshes used in POP and SUI surgery, efficient
by anatomical point of view but with complications in POP
case that precludes its use.

Such complications have multiple factors involved, but
polypropylene high resistance, inflexibility, and inelasticity
certainly play a role heightened by a contraction tendency
after the implant, despite being considered biocompatible [8].

Several good candidates had been prospected to replaceit,
each scaffold with or without specific cell type being regarded
as ideal. Oral fibroblasts [46], adipose derived stem cells [47],
vaginal fibroblasts [48], and muscle cells [49] all have its
qualities and defects being more similar or not to targeted
paravaginal tissue, being more easily or not to harvest and/or
to cultivate onto scaffolds produced with variations of PLA,
PLGA, PU, and processed small intestine submucosae.

Considering costs, regulations, and facilities needed to
widespread cell culture to clinical practice, probably the first

material produced to replace polypropylene meshes in POP
practice will be an off-the-shelf synthetic scaffold with great
cell affinity targeted to a specific biomechanical demand of
paravaginal tissue.

Animal experiments of at least 6-12 months in a model
physiologically relevant to POP will help to establish how
degradation and neotissue formation will affect properties of
such material.

11. Conclusion

We have been done a lot to replace polypropylene meshes
by matrices not only capable of withstanding tension but
also capable of interacting with cells and promote tissue
remodelling with fibroblasts ingrowth, extracellular matrix
production, and angiogenesis [50] and we already made some
progress in this regard with POP.

Respecting Billroth’s principle and producing materials
strong enough but sufficiently elastic to allow natural dis-
tention of vaginal tissue [44] and biocompatible to reflect
paravaginal properties [51] are the right pathway and surpris-
ingly only recently started to be followed.

Additional Points

Highlights. (i) Pelvic organ prolapse treatment borrowed
anatomical concepts from hernia repair without considering
local differences in terms of elasticity, florae, and sexual
activity. Major brand meshes for POP have been withdrawn
from market due to complications and litigious problems.
(ii) Despite the logic to know that the material is to be
replaced or reinforced and then use this data to develop a new
prosthesis, pelvic prolapse lacks in terms of basic research of
biomechanical properties and lacked in safety studies before
applying polypropylene meshes for this purpose. (iii) To
promote true remodelling and cure we not only should think
about reinforcement and biomechanical properties but also
must develop a material that interacts with cells and promote
fibroblast ingrowth and extracellular matrix production. Lack
of these combined qualities invariably will lead to failure.
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Mesenchymal stem cells (MSCs) are multipotent cells capable of differentiating into any mesenchymal tissue, including bone,
cartilage, muscle, and fat. MSC differentiation can be influenced by a variety of stimuli, including environmental and mechanical
stimulation, scaffold physical properties, or applied loads. Numerous studies have evaluated the effects of vibration or cyclic tensile
strain on MSCs towards developing a mechanically based method of differentiation, but there is no consensus between studies and
each investigation uses different culture conditions, which also influence MSC fate. Here we present an overview of the response of
MSCs to vibration and cyclic tension, focusing on the effect of various culture conditions and strain or vibration parameters. Our
review reveals that scaffold type (e.g., natural versus synthetic; 2D versus 3D) can influence cell response to vibration and strain to
the same degree as loading parameters. Hence, in the efforts to use mechanical loading as a reliable method to differentiate cells,

scaffold selection is as important as method of loading.

1. Introduction

In tissue engineering and regenerative medicine, mesenchy-
mal stem cells (MSCs) are often preferable to fully differen-
tiated cells, which are limited in supply and do not multiply
as rapidly or to as great an extent [1]. MSCs can proliferate
for numerous passages. The MSC response to tensile strain
and vibration has been researched using various scaffolds and
stimulation parameters. Typical MSC responses to various
mechanical loading include differentiation into osteocytes
and chondrocytes, often guided by the presence of growth
factors and calcium. Cell responses have also been guided
by the microenvironment, whether cells are in their native
environment, a transplanted in vivo environment, or cultured
using tissue culture plastic, 2D scaffolds, or 3D scaffolds. Even
the choice of scaffold material has an impact, that is, whether
the scaffold is derived from natural or synthetic material.
Although it is well known that MSCs respond to mechanical
loading, it is not known how to best load these cells to
achieve the desired differentiation. Identifying which combi-
nation of scaffold and loading protocol are associated with
which MSC fate may permit researchers to reliably control
differentiation without using differentiation media. Bending,

tension, mechanical compression, hydrostatic compression,
fluid shear, and vibration are all experienced by MSCs in vivo,
as such their effects on MSCs have been explored extensively
in vitro. When examining the aforementioned loading condi-
tions, tensile strain of tissues is perhaps the easiest to measure
in vivo, while vibration is the easiest to apply in vivo. Thus,
for tensile strain and vibration, it is possible to compare their
effects when applied in vivo versus in vitro. Therefore, this
review focuses on the effect of tensile strain and vibration on
the fate of MSCs in a variety of culture environments.

2. Common Methods to Differentiate MSCs

When maintained in vitro, MSCs can be chemically and
mechanically differentiated into a variety of tissues such as
bone, cartilage, tendon, and ligament [2]. The biochemical
factors that promote specific cell responses are well under-
stood and thus enable researchers to successfully guide cell
differentiation. Adding chemical factors to cell culture media
such as ascorbate, dexamethasone (dex), and bone mor-
phogenetic proteins (BMPs) promotes osteogenesis; serum-
free medium and transforming growth factor-f, (TGF-p;)
promote chondrogenesis; growth and differentiation factor
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FIGURE 1: Diagram representing the effects of vibration (blue jagged arrow) and cyclic tensile strain (green squiggly arrow) on MSCs. The
arrows depict the loading type. The italics detail the in vitro culture conditions in which the differentiation into the indicated lineage was
observed. Red lines indicate inhibition of the downstream lineage. Tissue images from Tuan et al. [4], CC BY 4.0.

5 (GDF-5) promotes tenogenesis; platelet derived growth
factor (PDGF) promotes myogenesis; and dex, insulin, and
3-isobutyl-1-methylxanthine (IBMX) promote adipogenesis
(Figure 1) [3-5]. In addition to chemical factors, mechanical
properties such as scaffold stiffness can be used to guide
MSC differentiation [1, 6]. For instance, dex is widely used to
promote MSC osteodifferentiation and alternately scaffolds
with elastic moduli comparable to bone promote MSC
osteodifferentiation [3, 6].

In their native environment tissues are subjected to a
variety of biochemical signals in addition to a multitude
of loading conditions that influence their development. In
the absence of appropriate biochemical factors or scaffold
mechanical properties, appropriate loading can drive MSC
differentiation towards a desired fate [7]. Conversely, inap-
propriate loading can inhibit a desired fate [8]. MSC response
to loading is dependent on stress/strain magnitude, duration,
loading type, and force propagation through cytoskeletal con-
figuration and attachment site geometry (for a recent review,
see Delaine-Smith and Reilly) [3]. Loading types include such
parameters as tension, compression, shear, bending, torsion,
electromagnetic inputs, and vibration. Furthermore, loading
can be separated into static or cyclic loading. All these loading
types are experienced in situ by cells and often in combi-
nation. For example, in bone marrow, tension, compression,
and fluid-induced shear may all be present but the effects of
these forces on the stem cells within the bone marrow are
not well understood [3, 9]. A challenge of tissue engineering
is identifying the appropriate combination of chemical and
mechanical parameters that will differentiate harvested MSCs
into specific cell types in vitro. Although chemical inducers

alone can drive differentiation in vitro, after scaffold implan-
tation any biofactors it contains will eventually dissipate; thus
the success of the scaffold will be maximized if its mechanical
properties continue to influence cells.

3. The Effect of Vibration on
Mesenchymal Stem Cells

Although vibration is not necessarily a loading condition
experienced in nature, an extensive number of in vivo studies
have been conducted with whole body vibration [33-39].
Whole body vibration studies have been used to model the
cyclic tensile strain imparted on muscle or bone during
physical actives such as walking, stair climbing, or weight
lifting exercises [34]. The vibration stimulates the skeleton in
a manner similar to walking or running and has been found
to increase bone mass and bone strength [33-35, 40]. Whole
body vibration stimulates osteogenesis of MSCs through
mechanotransduction, resulting in a bone mass increase [35,
39]. Whole body vibration may also elicit a response from
differentiated cells, which influence MSC differentiation [35].
Investigations exploring the effect of whole body vibration
on MSCs may be confounded by the concurrent effect of
vibration on differentiated cells. The mechanism of mechan-
otransduction during vibration in MSCs and subsequent
response is not fully understood [36-38]. Additionally, the in
situ response of cells to an external load cannot be separated
from the systemic response of the whole organism.

Thus, researchers also explore in vitro parallels to whole
body vibration to tease out the response of MSCs to vibration
(summarized in Table 1). As such, the cell environment and
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TaBLE 1: Effect of vibration on MSCs.
Environment Cell Acceleration Frequency [Hz] Results Ref.
hMSC 03g 30, 400, 800 Osteogenic [10]
TCP mMSC 015¢g 90 Osteogenic [11]
rMSC 03g 60 Osteogenesis inhibited* [12]
hMSC 0.1-0.6g 10, 20, 30, 40 Cell proliferation [13]
Gelatin hMSC 0.02g 15, 30, 45, 60 Inconclusive” [14]
2D Collagen mMSC 10 pstrain 90 Adipogenesis inhibited [15]
Fibronectin hMSC Acoustic 200 Myogenic [16]
Collagen Sponge hMSC 03g 30 Osteogenic [13]
3D Bone derived rMSC 03g 40 Osteogenic [17]
PEGDA hMSC 0.3,3,6g 100 Osteogenic [18]

* indicates the addition of differentiation media.

loading factors can be controlled. When subjecting MSCs to
vibration, investigators specifically select loading parameters,
biochemical additives, and cellular environment to observe or
induce differentiation of cells.

3.1. Tissue Culture Plastic. Most in vitro vibration studies
are performed with a cell monolayer cultured on tissue
culture plastic (TCP) [10-13, 41]. The MSC response to
vibration depends on frequency, acceleration, and duration
of stimulation.

Chen et al. investigated the effects of 0.3g acoustic
vibration at 30, 400, and 800 Hz on human MSCs (hMSCs)
in cell culture plates [10]. Cells were stimulated 30 min/day
for 7 days. The investigators selected 30 Hz because they
noted that osteogenesis was promoted following whole body
vibration under 100 Hz [35] and they selected higher fre-
quencies because higher frequencies are more suited for
localized body vibrations [10]. The authors found that cell
proliferation, calcium deposition, and collagen 1 (Col I) gene
expression increased the most following 800 Hz vibrations at
0.3 g (Figure 2). At 800 Hz, adipogenic gene expression and
lipid accumulation were decreased while at 30 Hz adipoge-
nesis was promoted. Though acoustic vibration differs from
direct mechanical vibration, both methods impart physical
vibration to the cells.

Demiray and Ozgivici cultured mouse MSCs on glass
cover slides within 6 well plates [11]. Plates were stimulated
with low magnitude (<1g) and high frequency (20-90 Hz;
LMHEF) vibrations of 90Hz at 0.15g over 7 days for
15min/day. The authors hypothesized that low intensity
vibrations would induce MSC differentiation into osteogenic
cells. Following vibration, cells were tested for osteogenic
markers Runx2 and osteocalcin (OC) to identify osteogenic
differentiation. While gene expression of vibrated and con-
trol cells was similar, the vibrated cells exhibited increased
proliferation and morphological changes. Vibrated cells also
displayed increased cellular height and increased molecular
expression of focal adhesion kinase.

Lau et al. studied the effects of LMHF vibration on rat
MSCs cultured on TCP while using osteogenic media [12].
Cells were stimulated with 60 Hz vibrations at 0.3 g for six
I-hour bouts. The authors hypothesized that the vibration

would promote osteogenesis based on prior animal and
human studies [35, 42]. Following vibration, cells were tested
for osteoblast-specific transcription factor Osterix (Osx)
to detect osteoblastic differentiation. The MSCs displayed
decreased Osx levels and inhibited mineralization, indicating
that LMHF vibration did not enhance osteogenic differen-
tiation but seemed to inhibit it. Further, LMHF vibration
did not affect proliferation rate. As both the control and
test groups contained osteogenic media, rather than a true
investigation of the effects of LMHE, the study was more an
investigation of the combined effect of LMHF and osteogenic
media compared to osteogenic media alone.

Kim et al. tested hMSCs with a wide array of vibration
frequencies and accelerations [13]. MSCs were seeded on
TCP or a collagen sponge. The collagen sponge was prepared
from a cross reaction of chondroitin-6-sulfate and type
I collagen [43]. The cells were seeded within the pores
of the sponge, creating a multidimensional scaffold. Cells
were subjected to varying accelerations of vertical vibration
for 10 min/day for 5 days using a custom platform on a
shaker. Accelerations varied between 0.1, 0.2, 0.3, 0.4, 0.5,
and 0.6 g and frequencies varied between 10, 20, 30, and
40 Hz. Vibration on TCP resulted in a minor increase of
proliferation. At 0.2g and 0.3 g accelerations, proliferation
rates increased as frequency increased. For all frequencies,
proliferation was significantly higher at 0.3 g compared to
other accelerations. The highest proliferation was observed
at 0.3g for both 30 Hz and 40 Hz. Thus, their subsequent
experiments were performed with 30 Hz vibrations delivering
0.3 g accelerations. In their differentiation assays, the authors
found that the osteoblastic differentiation markers, alkaline
phosphatase (ALP) and osteopontin (OPN), were upregu-
lated in vibrated cells while the osteoblastic markers, OC and
bone sialoprotein (BSP), were unaffected. Alizarin red stain-
ing was increased in MSC monolayers receiving vibration
and osteogenic media compared to control, though staining
was not increased for vibrated cells that did not receive
osteogenic media. MSCs behaved differently on scaffolds
compared to TCP. Specifically, while OPG, Col I, and VEGF
expression showed significant increases in vibrated groups
compared to nonvibrated groups, this effect was observed
only in MSCs cultured on scaffolds. These differing results
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t-test. “P < 0.01; P < 0.01 compared with the 0 Hz control group from unpaired ¢-test. From Chen et al. [10], CC BY 3.0.
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suggest that additional factors, such as microarchitectural
differences between scaffolds and TCP, may influence the
mechanotransduction of vibration.

It is well known that cells in culture do not behave the
same on TCP as they do in scaffolds or in their natural envi-
ronments [44-48]. The same holds true for cells subjected
to vibration [12, 13, 21, 43, 44]. Further, vibrated cells on
TCP do not necessarily behave identically between similar
investigations. In several LMHF studies, osteogenesis was
increased significantly when MSCs on TCP were vibrated at
accelerations of 0.3 g at 35 Hz or 45 Hz [49, 50]. Conversely,
in other studies that vibrated MSCs on TCP with 03¢
accelerations at 30 Hz or 60 Hz, osteogenesis was inhibited
[13, 21]. Considering the variation in MSC response that TCP
elicits, scaffolds may provide a more accurate and consistent
in situ representation of the MSC response to vibration.

3.2. Two-Dimensional Scaffolds. Scaffolds provide a more
complex cellular interaction than a simple monolayer on TCP.
A 2D scaftold has cells cultured on a flat surface while a 3D
scaffold has cells embedded within or seeded on a multidi-
mensional surface. Two-dimensional scaffolds for vibration
studies are often membranes coated with osteogenic proteins
or minerals [15, 16, 51]. Cell attachment and force transmis-
sion vary with different scaffolds or bound matrix proteins.

Edwards and Reilly seeded hMSCs in gelatin coated 12-
well plates [14]. Plates were subjected to LMHF vibrations
of 15, 30, 45, or 60Hz at 0.02g. Vibration occurred for
10 or 45 minutes. The authors also investigated the effect
of osteogenic media (media containing dex) during their
vibration studies. Alkaline phosphatase (ALP) activity was
the only measurement of cell commitment. ALP activity
was greatest following 45-minute vibrations of 60 Hz with
osteogenic media. Forty-eight hours after stimulation, MSCs
subjected only to vibration did not demonstrate a statistically
relevant increase of ALP activity. ALP activity was greater in
cells that had dex+ media compared to dex— media. For dex+
cells, 60 Hz stimulation had a statistically greater ALP activity
compared to other frequencies.

Sen et al. investigated the inhibition of adipogenesis in
mouse MSCs after vibration [15]. The authors subjected MSCs
seeded on a collagen-coated silicon membrane to low inten-
sity vibrations of <10 microstrain, at 90 Hz. The MSCs were
stimulated for 20 minutes twice a day. Following vibration,
cells were tested for the adipogenic markers adiponectin,
PPARy2, and aP2. The MSCs expressed decreased levels
for all adipogenic markers and the development of lipid
granules was inhibited. The authors also investigated the
synergistic effect of vibration and adipogenic media. The
MSCs subjected to vibration and adipogenic media had a
statistically insignificant expression of adipogenic markers.
The results indicate that adipogenesis was inhibited in cells
subjected to vibration and that treatment with adipogenic
media did not recover adipogenesis. Conversely, markers for
osteogenic differentiation were promoted significantly after
vibration, though this effect was only observed in MSCs
treated with adipogenic media.

Tong et al. subjected hMSCs to 200 Hz acoustic vibration
to replicate vocal cord vibrations [16]. Cells were seeded

on PCL scaffolds coated with fibronectin and subjected to
vibrations for 12 hrs/day over 7 days continuously or discon-
tinuously. All vibrated cells expressed enhanced F-actin and
a5bl integrin expression. Levels of vocal fold extracellular
matrix components were significantly elevated. Myogenic
differentiation in MSCs were indicated by elevated levels of
tenascin-C, collagen III, and procollagen I, while osteogenic
markers were not expressed.

Edwards and Reilly, similar to Lau et al., found that a
synergist effect of vibration and osteogenic media promoted
osteogenesis [12, 14]. Sen et al. found adipogenesis to be
inhibited after vibration, even with the addition of adipogenic
media. Tong et al. found myogenic differentiation of hMSCs
seeded on fibronectin-coated scaffolds [16]. Each of these
studies used a different biological coating on a synthetic
scaffold. It is important to consider that the different MSC
responses to vibration observed by these studies may in part
be explained by different MSC responses to the scaffolds.
In short, the biological components of the scaffolds are
potentially introducing a compounding biological variable to
the investigations, contributing to the observed synergistic
responses.

3.3. Three-Dimensional Scaffolds. Few studies of MSC
response to vibration in vitro have used three-dimensional
substrates [10-13, 15, 16, 51]. Three-dimensional substrates
translate mechanical force to cells via different mechanisms
than 2D substrates [52]. Three-dimensional substrates may
better model in situ cell attachment and the resultant effects
of mechanical loading [53]. In 3D environments, there are
increased cell-to-cell contact and cell-to-extracellular matrix
interactions compared to 2D monolayers [53]. Due to these
factors, cells within 3D scaffolds likely better model the in
vivo response to vibration than cells on 2D substrates.

3.3.1. Natural Scaffolds. Kim et al. vibrated hMSCs after
inoculation on a collagen sponge [13]. Cells were exposed
to 30Hz vibration at 0.3g. In their differentiation assay,
the authors found that the osteogenic markers OPG, Col
I, and VEGF expression were increased after MSCs were
vibrated. These results differ from the previously described
results of Chen et al,, who found increased adipogenesis
in TCP-monolayer hMSCs subjected to 30 Hz vibration at
0.3 g. The difference in the response of MSCs within a 3D
scaffold and MSCs in a monolayer suggests that factors such
as microarchitectural cues may mechanotransduce vibration.

Zhou et al. subjected rat MSCs seeded on 3D bone-
derived scaffolds to LMHF vibration [17]. The hollow com-
ponents of the scaffolds allowed cells to attach within the
multidimensional matrix. Rat MSCS seeded on TCP were
used as control groups. The authors vibrated cells with
40 Hz at 0.3 g for 6 hours. The vibrated MSCs demonstrated
increased levels of osteogenic markers ALP, Coll I, and
OC. ALP activity was significantly higher in cells vibrated
within 3D scaffolds than cells vibrated on TCP (Figure 3).
However, vibration resulted in lower proliferation after day
7. The increased response from vibrated MSCs within 3D
scaffolds compared to MSCs on TCP should motivate further
investigation of MSCs within 3D scaffolds.
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FIGURE 3: Effect of microvibration on osteogenic gene expressions in BMSC cellular scaffolds. Cbfal/Runx2, Col I, ALP, and OC mRNA
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(http://www.ecmjournal.org).

3.3.2. Synthetic Scaffolds. To the author’s knowledge, our
laboratory has conducted the only vibration studies on
MSCs entrapped within a synthetic material [18]. Cells
entrapped within PEGDA microspheres were subjected to
vibrations of 100Hz at 0.3g, 3.0g, or 6.0g for 24 hours.
Cells were subsequently tested for adipocyte, chondrocyte,
and osteoblast differentiation. Osteogenic differentiation in
MSCs was observed at 0.3 and 3.0 g accelerations, while
6.0 g accelerations were lethal to cells. Alkaline phosphatase
activity was observed on day 4 in MSCs subjected to 0.3 and
3.0 g. Alizarin red staining was also significantly increased

in 0.3 and 3.0g MSCs compared to nonvibrated controls.
Chondrogenesis and adipogenesis were not observed at any
time point.

The vibration studies expose MSCs to a range of accel-
erations and frequencies. Accelerations from 0.02 g to 6.0
g were used in combination with frequencies ranging from
10 to 800 Hz (Table 1). With such variations in vibration
parameters, it is unsurprising that there is a great variation
in observed response. However, when probing further, the
disparity in cell response is mostly observed in cells seeded
on 2D scaffolds. MSCs on or within 3D scaffolds uniformly
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TABLE 2: Effect of cyclic tensile strain on MSCs seeded on 2D scaffolds.

Scaffold Cell Strain (%) Time (hrs) Differentiation Ref.

hMSCs 5 24 Myogenic (19]

b hMSCs 10 24 Myogenic* [20]
Natural Collagen hMSCs 3,10 8,48 Tenogenic (10%) (21]

Osteogenesis (<5%)

hMs 0.8,5,10,15 48 & 22

cs Osteogenic inhibition (>5%) [22]

Elastin hMSCs 10 24 Myogenic* (20]

2D Silicone rMSCs 10 N/A Tenogenic (23]
Natural + synthetic Elastin-silicone rMSCs 5,10, 15, 20 24 Myogenic (10%) [24]
Elastin-silicone rMSCs 10 24, 48,72 Myogenic [24]

*Myogenic expression transiently increased; expression reduced to basal levels after cell alignment.

differentiated to bone. While 3D scaffolds were tested in a
smaller range of vibration parameters (0.3-6 g; 30-100 Hz),
these studies may point to a uniform response to MSCs when
vibrated within a 3D environment.

4. The Effect of Cyclic Tensile Strain on MSCs

Cyclic uniaxial tensile strain can be applied to cells encap-
sulated in or seeded on a flexible scaffold. Rigid materials
such as TCP cannot be used for tensile strain studies. Silicon
scaffolds are regularly used as a synthetic, flexible scaffold.
The effects of tensile strain on MSCs, inducing tenogenic,
osteogenic, and myogenic responses, have been investigated
and are reviewed below [3, 19-32].

4.1. Two-Dimensional Scaffolds

4.1.1. Natural Scaffolds. The following studies investigate
the effects of cyclic uniaxial tensile strain with magnitudes
between 0.8% and 15% at 1 Hz on MSCs seeded on collagen
membranes and other scaffolds (Table 2) [19-22]. The strain
magnitudes were selected by the authors to replicate the
tensile strain experienced in situ by bone, muscle, and tendon.

Chen et al. seeded hMSCs on collagen type I coated
scaffolds and then subjected them to 3% and 10% cyclic
tensile strain at 1 Hz for 8 or 48 hours [21]. The authors were
investigating osteogenic or tenogenic commitment of MSCs
following such strain. For all strains, organized cell alignment
was noted. Cells subjected to both strain rates became
longer, slenderer in shape, and oriented perpendicular to the
axis of strain. hMSCs subjected to 3% strain for 8 hours
demonstrated an upregulation of osteoblastic markers with
increased levels of ALP and Cbfal. hMSCs strained at 10% for
48 hours demonstrated significant increases in type I colla-
gen, type III collagen, and tenascin-C, indicating tenogenic
differentiation. The authors suggested strain amplitude and
duration of strain may influence tenogenic and osteogenic
commitment of MSCs.

Park et al. aimed to replicate the strain conditions of
vascular smooth muscle on hMSCs seeded on elastin or
collagen-coated membranes [20]. MSCs were subjected to
10% uniaxial tensile strain at 1Hz for 24 hours. Smooth
muscle cell (SMC) and osteogenic markers were investigated.

Following strain, cells in both scaffolds increased collagen
I expression; however, markers of osteogenic differentiation
were not significant. After being subjected to strain, levels of
smooth muscle markers a-actin, SM-22«, and f-actin were
transiently increased in cells on both scaffolds (Figure 4).
Expression of a-actin and SM-22« subsequently decreased
shortly after cells aligned themselves perpendicular to the
direction of strain. After 3 days, SM-22« decreased by
50% on collagen-coated scaffolds and 25% on elastin-coated
membranes. Levels of Col I also decreased after alignment.
The authors concluded that uniaxial strain may promote
MSC differentiation into SMCs if the cell orientation is fixed.
Interestingly, the decrease in gene expression after alignment
described by Park et al. contradicts the stable gene expression
described by Chen et al., who did not observe decreased gene
expression from MSCs subjected to 10% strain [20, 21].

Khani et al. investigated the mechanical properties of
hMSCs subjected to uniaxial strain with or without chon-
drogenic media (with TGF-f3;) [19]. hMSCs were seeded on
poly(dimethyl siloxane) (PDMS) with a collagen coating to
enable cell attachment. For 24 hours seeded hMSCs were
subjected to uniaxial strain of 5% at 1Hz, comparable to
physiological levels within human arteries. Strained cells
without TGF-p, had significantly increased Young’s Moduli
(E) and elevated levels of the smooth muscle markers ASMA,
hl-Calponin, and SM22A. The strained hMSCs demonstrated
increased myogenesis with or without TGF-f; in the media.
After stimulation, these cells had also become aligned per-
pendicular to the axis of strain. The authors suggested that
the realignment of these cells may reinforce the material,
creating a stiffer composition, and may ultimately impact
mechanotransduction.

Koike et al. subjected hMSCs seeded on collagen I coated
membranes to 0.8%, 5%, 10%, and 15% cyclic strain at 1Hz
for 2 days [22]. Cell proliferation significantly increased at 5%,
10%, and 15% strain compared to unloaded controls. At1-hour
and 6-hour markers, Cbfal/Runx?2 increased at 0.8% and 5%
strain but decreased at 15% strain. At 24 hours and 48 hours,
cell proliferation and Col I increased at 5%, 10%, and 15%
strain while Cbfal/Runx2 expression, osteocalcin expression,
and ALP activity were significantly decreased. ALP activity
was increased at 0.8% strain. These results indicate that
high magnitude mechanical strain will inhibit osteoblastic
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FIGURE 4: Effects of uniaxial strain on SM marker expression in MSCs. MSCs were cultured on collagen-coated elastic membranes for 1 day
and subjected to 10% uniaxial strain at 1 Hz or kept as static controls for 1 and 2 days. (a) The RNA from each sample was reverse-transcribed
into cDNA and the gene expression of SM a-actin, SM-22a, and GAPDH was analyzed by qPCR with their respective primers. The expression
level of each gene was normalized with the level of GAPDH in the same sample. The ratio of the gene expression (stretch/static) is presented
as mean (+) standard deviation from at least three experiments. *Significant difference (P < 0.05) from 1. (b) The protein expression of
SM a-actin and actin was analyzed by immunoblotting with respective antibody. (c) Statistical analysis of protein expression. The protein
expression was quantified, and the expression level of a-actin was normalized with the level of h-actin in the same samples. The ratio of the
normalized protein expression (stretch/static) is presented as mean (+) standard deviation from at least three experiments. From Park et al.,
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differentiation, while strain at low magnitudes may enhance
osteoblastic differentiation.

All studies described above used collagen scaffolds to
investigate the response of hMSCs to uniaxial tensile strain
[19-22]. On collagen scaffolds, MSCs subjected to low mag-
nitude tensile strains (<3%) underwent osteogenic differenti-
ation [21, 22, 54]. At greater tensile strains (5%), myogenic
differentiation was promoted [19, 22]. hMSCs subjected to
high magnitude tensile strains (>10%) showed an inhibition
of osteogenic differentiation, transiently enhanced myogenic
differentiation, and enhanced tenogenic differentiation [20-
22]. The literature generally agrees that MSC osteodifferenti-
ation occurs at lower strain magnitudes than MSC tenodiffer-
entiation [19-22, 54].

4.1.2. Synthetic Scaffolds. Park et al. noted a difference in
MSC response to a synthetic scaffold compared to a colla-
gen scaffold [20]. As described in Section 4.1.1, Park et al.
subjected MSCs seeded on elastin-coated or collagen-coated
scaffolds to 10% uniaxial tensile strain at 1 Hz for 24 hours.
The hMSCs transiently upregulated smooth muscle markers.
Smooth muscle gene expression was higher in cells seeded
on the elastin scaffolds. The authors suggested that the MSCs
sensed a difference in the mechanical loading of the two
microenvironments.

Zhang et al. subjected rMSCs seeded on a silicone scaffold
to 10% tensile strain at 1 Hz [23]. The authors investigated
the effect of tensile strain on tenogenesis of hMSCs. The
authors also investigated the effects of coculturing hMSCs
with ligament fibroblasts. Only cells subjected to strain
exhibited morphological changes. After tensile strain, rMSCs
had a more elongated fibroblast-like cell type. The strain
triggered an early upregulation of Col I and Col III. Tenascin-
C expression was also upregulated in cells subjected to
strain. Cells subjected to strain demonstrated greater levels
of tenogenic gene expression than cells cocultured with
fibroblasts but not subjected to strain.

Huang et al. subjected rMSCs seeded on an elastic-
silicone membrane to 5%, 10%, 15%, and 20% tensile strain at
1Hz for 24 hours [24]. The authors investigated the presence
of cardiac-related gene expression using negative controls and
positive controls. Cells subjected to cyclic strain expressed
GATA-4, B-MHC, NKx2.5, and MEF2c. Gene expression was
greatest in cells subjected to 10% strain. The researchers then
subjected rMSCs to 10% strain at 1 Hz for 24, 48, and 72 hours.
The expression of GATA-4, 3-MHC, NKx2.5, and MEF2c
was significantly increased for all durations of strain. The
investigators suggested that cyclic mechanical strain of 10%
at 1 Hz induces cardiomyogenic differentiation of MSCs.

Jagodzinski et al. applied tensile strain to hMSCs seeded
on a silicone scaffold [55]. Cells were subjected to 2% or
8% strain, six hr/day for three days at 1Hz. hMSCs were
cultivated with (dex+) or without (dex—) dexamethasone.
For both strain magnitudes, cells had significantly increased
ALP secretion and collagen IIT upregulation. Cells subjected
to 8% strain significantly upregulated Col I and Cbfal.
Cells that underwent strain had significantly greater gene
expression, with or without dex, for all markers of gene
expression. At both high and low magnitudes of cyclic strain,

hMSC osteogenic commitment was enhanced on silicon
scaffolds, contrary to the observed trends of hMSCs on
collagen scaffolds, which showed tenogenic commitment at
high strain magnitudes and osteogenic commitment at low
strain magnitudes.

After being subjected to 10% strain, MSCs seeded on
synthetic scaffolds demonstrated enhanced myogenic dif-
ferentiation, resulting in fibroblasts, smooth muscle cells,
and cardiac cells [20, 23, 43]. For other strain magnitudes,
MSCs seeded on synthetic scaffolds respond differently to
tensile strain than MSCs seed on natural scaffolds [20, 23,
24, 55]. Cells on synthetic scaffolds had a greater expression
of smooth muscle markers compared to cells on natural
scaffolds [20]. Osteodifferentiation was induced at high
magnitudes of strain in cells on silicone while osteogenesis
was inhibited at high magnitudes of strain in cells on collagen
[55]. Thus, demonstrating that the MSC response to strain
differs on synthetic-based scaffolds compared to natural
scaffolds.

While the preceding scaffolds were comprised of syn-
thetic materials, only one was not modified with elastin. The
MSCs on scaffolds comprised of or modified with elastin all
exhibited myodifferentiation. The MSCs on truly synthetic
scaffolds exhibited tenodifferentiation. Thus, for 2D scaffolds,
scaffold type may be more important than the loading.

4.2. Three-Dimensional Scaffolds. Cells entrapped within a
scaffold or seeded throughout a structure are subjected to
a different microenvironment than cells seeded on a planar
scaffold. Subtle differences in loading or cell-cell communica-
tion may impact cell response to strain. The following studies
investigate the effects of cyclic strain on cells entrapped
within 3D scaffolds (Table 3).

4.2.1. Natural Scaffolds. The first study to investigate hMSCs
entrapped in 3D collagen matrix under cyclic strain was
conducted by Sumanasinghe et al. [25]. The authors subjected
hMSCs entrapped within a collagen matrix to 10% or 12%
uniaxial cyclic tensile strain at 1 Hz for 4 hr/day. Strain was
applied for 7 or 14 days. hMSCs remained highly viable
for all strain conditions. hMSCs subjected to 10% strain
demonstrated a significant increase in BMP-2 expression
for both durations of strain. Cyclic strain of 12% induced
a significant increase in BMP-2 expression only in cells
subjected to 14 days of strain. The authors concluded that
strain alone can induce osteogenic differentiation without the
addition of osteogenic supplements.

Sumanasinghe et al. conduced a follow-up study to inves-
tigate the expression of proinflammatory MSC cytokines
using identical strain conditions (10 or 12%; 1 Hz for 4 hr/day;
7 or 14 days) [26]. The authors also used osteogenic media to
evaluate the combined effect of cyclic strain and osteogenic
supplements. Initially, h(MSCs undergoing strain had reduced
viability. After day 6, hMSCs subjected to 10% strain had
increased viability. Only strained cells receiving osteogenic
media had increased levels of TNFa and IL-If. The authors
demonstrated that hMSCs entrapped within a collagen
matrix maintain high viability after cyclic strain.



10 International Journal of Biomaterials
TaBLE 3: Effect of cyclic tensile strain on MSCs within 3D scaffolds.
Scaffold Cell Strain (%) Time (hrs) Differentiation Ref.
hMSCs 10, 12 28,56 Osteogenic [25]
3D Collagen hMSCs 10 56 Osteogenic [26]
Natural hMSCs 10 168 Tenogenic [27]
rbMSCs 2.4 96 Inconclusive [28]
(RGD/RGE) hMSCs 3 2,24 Gene expression T (RGD) [29]
3D PLA hMSCs 2,5 15 Inconclusive [30]
Synthetic hydrogel PEG hMSCs 10 168 Tenogenic [31]
OPC hMSCs 10 252 Tenogenic [32]

Charoenpanich et al. entrapped hMSCs, specifically adi-
pose derived stem cells, within a collagen I gel sheet [56].
The entrapped cells were subjected to 10% cyclic tensile at
1Hz for 4hr/day over 14 days. The authors performed a
microarray analysis of 847 genes and found 184 transcripts
affected by tensile strain. Network analysis suggested that
strain may impact osteogenic differentiation by upregulation
of proinflammatory cytokine regulator interleukin-1 recep-
tor antagonist (ILIRN) and angiogenic inductors including
fibroblast growth factor 2 (FGF-2) and vascular endothelial
growth factor A (VEGF-A). Cells subjected to strain and
osteogenic media resulted in significantly increased calcium
deposits, suggesting a synergistic effect of the strain and
media driving the cells towards osteogenic differentiation.

Qiu et al. applied cyclic strain to hMSCs seeded along col-
lagen fibers to investigate fibroblastic differentiation [27]. The
fibrous scaffold provided a nonplanar microenvironment.
The hMSCs were subjected to 10% tensile strain at 1 Hz for
12 hrs/day over 14 days. Collagen I, collagen III, tenascin-C,
and fibroblastic transcription factor scleraxis were all found
to be significantly upregulated in cyclically strained hMSCs
compared to unstrained control cells. Thus, 10% cyclic strain
significantly promoted tenogenic differentiation of hMSCs.

Juncosa-Melvin et al. applied strain to rabbit MSCs
seeded within collagen sponges [28]. MSCs were subjected
to cyclic strain of 2.4% at 0.003 Hz for 8 hrs/day over 12 days.
Tenogenic differentiation was not conclusively promoted by
cyclic strain, but significant gene expression of collagen I
and collagen III was induced by cyclic strain. Strained MSCs
showed 3 or 4 times greater collagen I and collagen III
production compared to unstrained controls. However, gene
expression of fibronectin or decorin was not significantly
increased in strained MSCs.

Few studies investigate both the effects of 3D scaffolds
and cyclic tensile strain on hMSC differentiation without
osteogenic supplements. In the few studies that do not use
osteogenic media, most use scaffolds or coatings comprised
of collagen, which is a major component in bone and hence
provides a biological factor that induces its own cell response
(57, 58].

4.2.2. Synthetic Scaffolds. Rathbone et al. investigated the
response of hMSCs to cyclic tensile strain entrapped within
3D hydrogels with either the cell attachment tripeptide,
arginylglycylaspartic acid (RGD), or a dummy tripeptide,

arginyl-glycyl-glutamic acid (RGE) [29]. Cells were either
entrapped within a hydrogel with cell attachment sites (RGD)
or entrapped within a hydrogel without cell attachment
sites (RGE). The authors’ hydrogel was composed of Fmoc-
FF:Fmoc-RGD/RGE. The hMSCs were subject to 3% strain
1 Hz for 1 hour or 24 hours and evaluated 2 hours or 24 hours
after strain. Cells within hydrogels demonstrated high viabil-
ity. The authors investigated CCNL2, WDR61, and BAHCCl
as potentially important mechanosensitive genes. After 1 hour
of strain, hMSCs on monolayers significantly downregulated
CCNL2, WDR61, and BAHCCI. After 24 hours of strain,
hMSCs on monolayers significantly upregulated BAHCCI.
BAHCCI was not expressed by hMSCs in either of the 3D
scaffolds. WDR61 was significantly upregulated by hMSCs in
both 3D scaffolds after 1 hr of strain. CCNL2 was upregulated
in hMSCs only in scaffolds with RGD. The cell response
differed when in a monolayer or in a 3D scaffold and when
within 3D scaffolds with or without RGD, thus indicating
the impact of attachment sites on mechanotransduction in
otherwise identical scaffolds.

Kreja et al. applied strain to hMSCs seeded throughout
a novel textured PLA scaffold to investigate fibroblastic
differentiation [30]. Cells were subjected to 2% or 5% strain at
1Hz for 1 hr/day over 15 days. The authors analyzed the gene
expression of ligament matrix markers: collagen I, collagen
I11, fibronectin, tenascin-C, decorin, MMP-1, MMP-2, and
inhibitors TIMP-1 and TIMP-2. Cells subjected to strain
did not demonstrate significant gene expression except in
the downregulation of both MMP-1 and TIMP-2 in cells
subjected to 5% strain. For both strain parameters, tenogenic
differentiation was not promoted in hMSCs.

Yang et al. investigated the effects of strain on hMSCs
entrapped within fast and slow degrading MMP-sensitive
PEG hydrogels to investigate tenogenic differentiation [31].
Cells were subjected to 10% strain at 1Hz for 12 hrs/day over
14 days. Cell realignment in response to the strain direction
was not observed. hMSCs within the slow degrading hydrogel
upregulated collagen III by 3.8-fold and upregulated tenascin-
C by 2.5-fold while hMSCs within the fast degrading hydrogel
upregulated collagen III by 2.1-fold and upregulated tenascin
by 1.7-fold. The authors suggested that cyclic straining pro-
moted tenogenic differentiation and that the presence of
strain had a greater influence on cell differentiation than the
difference in composition between the hydrogels.
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Doroski et al. expanded the Yang et al. investigation
where hMSCs entrapped with PEG-based hydrogels were
cyclically strained [31, 32]. The researchers entrapped hMSCs
within oligo(poly(ethylene glycol) fumarate) (OPF). Cells
were then subjected to 10% strain at 1 Hz for 12 hrs/day over
21 days. By day 21, cyclic strain significantly upregulated
the tenogenic markers collagen I, collagen III, and tenascin-
C, while osteogenic, chondrogenic, and adipogenic mark-
ers were not increased. Thus, the cyclic strain promoted
tenogenic differentiation.

It is interesting to note that collagen derived scaffolds
mostly resulted in osteodifferentiation while synthetic scaf-
folds mostly resulted in tenodifferentiation. These results
indicate that if seeking to differentiate MSCs using mechan-
ical loading such as tensile strain, the scaffold material type
will influence the MSC fate as much as the loading parameters
will.

5. Summary

The response of MSCs subjected to cyclic strain and vibration
appear to vary with loading parameter as much as it varies
with culture conditions. Unsurprisingly, for similar loading
conditions, TCP produced different results than 2D scaffolds,
which in turn produced different results than 3D scaffolds.
The varying effects of natural and synthetic scaffolds on
MSC differentiation may be explained by the differing elastic
moduli between these scaffolds or it may be the distinct
microarchitecture of a natural scaffold compared to feature-
less synthetic scaffolds, or the dominating factor may be the
native biochemical cues contained within natural scaffolds.
These questions warrant further investigation if mechanical
loading is to be pursued as an alternate method to induce
MSC differentiation.

6. Future Perspectives

Future investigations of MSC differentiation using vibration
and cyclic strain should explore varying types of natural
scaffolds in concert with the loading parameters. Collagen isa
primary component of bone and as such makes an ideal bone
scaffold. Vibration within 3D collagen scaffolds ultimately led
to osteogenic differentiation. Future studies utilizing scaffolds
optimized for myogenic, adipogenic, or tenogenic differentia-
tion should be explored to tease out whether vibration and/or
cyclic strain in 3D scaffolds consistently leads to osteogenic
differentiation or whether vibration and/or cyclic strain in 3D
scaffolds leads to tissue optimized for that 3D scaffold.
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Preparation of three-dimensional (3D) porous scaffolds from synthetic polymers is a challenge to most laboratories conducting
biomedical research. Here, we present a handy and cost-effective method to fabricate polymeric hydrogel and porous scaffolds using
poly(lactic-co-glycolic) acid (PLGA) or polycaprolactone (PCL). Breast cancer cells grown on 3D polymeric scaffolds exhibited
distinct survival, morphology, and proliferation compared to those on 2D polymeric surfaces. Mammary epithelial cells cultured
on PLGA- or PCL-coated slides expressed extracellular matrix (ECM) proteins and their receptors. Estrogen receptor- (ER-)
positive T47D breast cancer cells are less sensitive to 4-hydroxytamoxifen (4-HT) treatment when cultured on the 3D porous
scaffolds than in 2D cultures. Finally, cancer cell-laden polymeric scaffolds support consistent tumor formation in animals and
biomarker expression as seen in human native tumors. Our data suggest that the porous synthetic polymer scaffolds satisfy the
basic requirements for 3D tissue cultures both in vitro and in vivo. The scaffolding technology has appealing potentials to be applied

in anticancer drug screening for a better control of the progression of human cancers.

1. Introduction

2D in vitro cell culture models have been instrumental in add-
ressing various questions and providing invaluable knowl-
edge in the field of cancer cell biology for decades. With the
advancement of research technologies, some of the draw-
backs of 2D cell culture models have been identified that
include the lack of cell-ECM interactions and differences in
cell morphology, proliferation rate, viability, polarity, motil-
ity, differentiation, and sensitivity to therapeutics compared
to the characteristics of cells in vivo [1-6]. These limitations
of 2D culture systems have become hindrance to the progress
of our understanding of the mechanisms of cancer initiation
and progression and of developing therapeutic approaches to
treat human cancers, highlighting the needs for better culture
platforms that are able to closely mimic tissue environments
where native cancer cells live.

With the integration of the spatial concept, various 3D cell
culture systems have been developed to overcome the limita-
tions of 2D cultures. There is a remarkable increase in the use
of 3D cultures over the past 10 years [7], resulting in many
interesting findings that are distinct from the effects seen in

the traditional 2D cultures. For instance, cells grown in 3D
cultures display changes in metabolic characteristics, such as
increased glycolysis [8], in gene expression patterns, such as
upregulation of VEGF and angiopoietin genes involved in
angiogenesis [9-11], and in production of chemokines, such
as interleukin-8 [12], compared to cells grown on 2D surfaces.
It is noteworthy that genome wide gene expression analysis
comparing gene expression patterns of U87 cells grown in
2D and 3D cultures with a cohort of 53 pediatric high grade
gliomas revealed significant similarities between the 3D, but
not the 2D, culture samples and the human brain tumors [13].
Moreover, several studies have shown increased chemore-
sistance of cancer cells grown in 3D systems compared to
the cells in 2D cultures [14-16], recapitulating the responses
of cancer cells to chemotherapeutics in vivo. Depending on
scientific questions to be addressed and specific experimental
design, 3D scaffolds applied in biomedical research are
predominantly fabricated using either natural materials, such
as native tissue proteins and algae, or synthetic polymers,
such as PLGA, PCL, and poly(ethylene glycol) (PEG) [7,
17, 18]. The advantages of synthetic polymeric scaffolds are
their abundant availability, low cost, suitability for large-scale
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3D bioprinting and reconstruction of certain tissue struc-
tures, and flexibility to be tailored to meet specific physical
requirements of different culture systems [19-24].

In this study, we focused on characterizing the efficacies
of applying the synthetic polymer scaffolds fabricated using
PLGA and PCL with a modified gas foaming approach for 3D
tissue cultures and animal models in breast cancer research.
The viability, morphology, proliferation, and receptor expres-
sion of breast cancer cells as well as their responses to
anticancer drug and development into tumors in animals
with the support of the 3D scaffolds were investigated.

2. Materials and Methods

2.1. Polymer Coating on Slides. Microscopic glass slides were
cleaned with 70% ethanol, air-dried in a biological safety
cabinet, coated with 2% of PCL (Sigma-Aldrich), PLGA
(Sigma-Aldrich), or PCL and PLGA (1:1 ratio) dissolved
in chloroform (Sigma-Aldrich) for 1 hour, air-dried in a
biological safety cabinet, and rinsed twice with 1x PBS before
cell seeding.

2.2.3D Porous Scaffold Fabrication from Polymer. To fabricate
porous scaffolds with similar pore sizes as decellularized
mouse breast tissues (~100 ym) [16], 1.0 gram of PLGA
or 0.5 gram of PCL was dissolved in 1ml of chloroform
followed by adding 1 gram of sodium bicarbonate (NaHCO,,
Sigma-Aldrich) into the solution. The solutions were slowly
dispensed into the semispherical molds (4 mm in diameter)
built in porcelain panels, which were kept in —80°C freezer
for 1-2 hours and freeze-dried at —50°C for 48 hours as
described previously [16]. The scaffolds were then washed in
0.1 N hydrochloric acid (HCI) solution for 6 hours (replacing
the solution hourly) at room temperature to generate the
pores after releasing CO, produced by the NaHCO; and HCI
reactions from the scaffolds, followed by washing in distilled
water for several times until the pH of the water became
neutral. The scaffolds were soaked in 70% ethanol for 3-5
hours, washed three times in 1x PBS for 10 minutes, and
kept in 1x PBS until use. The generation of PCL and PLGA
combined scaffolds was achieved by mixing equal volume
(1:1ratio) of PCL and PLGA solutions and following the same
procedures as described above.

2.3. In Vitro 2D and 3D Cultures. MCFIOA cells (American
Type Culture Collection, ATCC) were maintained in 1x
DMEM/F12 50/50 (Mediatech) supplemented with 10 pyg/ml
insulin, 20 ng/ml EGF, 0.5 ug/ml hydrocortisone, 100 ng/ml
cholera toxin, 5% horse serum, and 1% Penicillin-Strepto-
mycin. MDA-MB-231 cells (ATCC) were maintained in 1x
DMEM (Mediatech) supplemented with 10% FBS and 1%
Penicillin-Streptomycin. The polymer-coated slides (circular,
12 mm in diameter; ThermoFisher Scientific) or the scaffolds
were placed in 24-well or 96-well plates, washed several times
with sterile 1x PBS, and preconditioned with culture medium.
MCFI0A or MDA-MB-231 cells suspended in the respective
culture medium were seeded on the slides or scaffolds (1 x 10°
per slide or scaffold) and allowed to attach to the matrices for
45 minutes. The cells were then cultured in the medium under
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optimal conditions (37°C, 5% CO,) and collected at indicated
time points, analyzed, or used in downstream experiments.
For longer period of culturing time, the culture medium was
replenished every other day.

2.4. Live and Dead Cell Assay. The cell cultures on the poly-
mer-coated slides or polymer scaffolds were briefly washed
with 1x PBS (37°C) twice and incubated in the Live/Dead
Cell Staining solution (2uM of calcein-AM and 4 uM of
EhtD-III in 1x PBS, PromoKine) at room temperature for
30 minutes. Images were captured using epifluorescence
microscopy (Zeiss Axio Imager M2). Live cells take the
calcein-AM stain and fluorescence green under EGFP filter,
while dead cells take the EthD-III stain and fluorescence red
under Texas Red filter.

2.5. Proliferation Assay. The proliferation of the cells grown
on the coated slides and scaffolds was measured using the
CCK-8 reagent (Sigma-Aldrich) at the time points indicated.
Briefly, CCK-8 solution was added at a 1:10 dilution into
the cultures and incubated (37°C, 5% CO,) for 3 hours.
The supernatants of the cultures were collected and the
colorimetric reactions within the supernatants that reflect
the proliferation status were measured using a Synergy 2
microplate reader (BioTek) for the absorbance at 490 nm.
Error bars represent standard deviations (SD) of the means
of three independent experiments.

2.6. Cell Surface Receptor Expression. The cells cultured on
the polymer-coated slides at about 80% confluency were
washed with cold 1x PBS twice and fixed in 4% cold para-
formaldehyde. Immunofluorescence staining was performed
as previously described [25] using primary antibodies against
integrin-a2 (mouse, Santa Cruz Biotechnology, sc-74466)
and collagen type 1 (rabbit, Abcam, ab34710) as set 1 as well
as integrin «6 (rabbit, Invitrogen, 710201) and laminin-f33
(mouse, Santa Cruz Biotechnology, sc-33178) as set 2 along
with Alexa Fluor® dye-conjugated anti-rabbit and anti-mouse
(Thermo Fisher Scientific) secondary antibodies to detect the
expression of the integrin receptors on the surface of the cells
in response to the polymer matrices.

2.7. Response of Cells to Anticancer Drug. T47D breast cancer
cells (ATCGC, 1 x 10° cells per scaffold) were seeded on the
3D scaffolds and cultured in 96-well plates for 7 days. (Z)-
4-Hydroxytamoxifen (4-HT, Abcam, ab1419430) at the final
concentration of 1M was administered in alternate days
from 7th to 14th day of culture. Cell survival experiment
was performed using the Live/Dead assay as described above.
Triplicate independent experiments were performed for sta-
tistical significance.

2.8. In Vivo Tumor Formation. MDA-MB-231 cells (1 x 10°
cells/scaffold) were seeded on spherical porous PLGA scaf-
folds (4 mm-diameter) and cultured under optimal condi-
tions (37°C, 5% CO,) for 24 hours prior to implantation.
The blank (without cells as negative controls) and cell-laden
scaffolds were implanted into the right and the left 4th
inguinal mammary fat pads, respectively, of 8-week-old
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FIGURE I: Cell survival, morphology, and growth status on polymeric scaffolds. (a) Main procedures of preparing PLGA-coated slides and 3D
porous PLGA scaffolds. (b) Examination of MDA-MB-231 cell survival on PLGA-coated slides ((b)(i) and (b)(ii)) and porous PLGA scaffolds
((b)(iii) and (b)(iv)) using live and dead assays. Scale bars, 100 ym. The number of live and dead cells in the 2D and 3D cultures were quantified
in ((b)(v)). (c) Proliferation rate of MCF10A and MDA-MB-231 cells on PLGA-coated slides. (d) Proliferation rate of MCF10A and MDA-

MB-231 cells on porous PLGA scaffolds. * P < 0.05, **p < 0.01.

female NOD-SCID mice (Charles River Laboratories). Each
implantation condition had six replicates. The growth of the
tumors was monitored using spectrum computed tomogra-
phy (CT) on an in vivo imaging system (IVIS, PerkinElmer).
The tumors were collected into ice-cold 4% paraformalde-
hyde 4 weeks after implantation, paraffin embedded, cross-
sectioned, antigen retrieved (1mM EDTA solution, 10 mM
Tris Base, and 0.05% Tween 20; pH 9.0), and stained with
HER2 (rabbit, Cell Signaling Technology, 2165) and Ki-67
(mouse, Cell Signaling Technology, 9449) primary antibodies
followed by Alexa fluorophore-conjugated secondary anti-
bodies. Images were captured using fluorescence microscopy
as described before [25].

2.9. Statistical Analysis. One-way ANOVA was performed
using the StatPlus (Build 6.0.0/Core v5.9.92, AnalystSoft)
software to analyze the statistical data. Error bars represent
standard error of the mean (SEM) of three independent
experiments unless otherwise indicated.

3. Results and Discussion

3.1. Cell Survival, Morphology, and Proliferation on the Poly-
meric Scaffolds. To examine the survival of cancer cells
grown on the polymeric substrata, human triple (ER, PR, and
HER2 receptor) negative breast cancer MDA-MB-231 cells
were cultured on PLGA-coated microscopic glass slides (2D)
and porous PLGA scaffolds (3D), respectively, as described in
the methods and illustrated in Figure 1(a) for 14 days. The Day
1 and Day 14 culture samples were collected and stained with
the Live/Dead Cell assay kit as described in the methods. This
staining method labels live cells in green color and the dead
cells in red color when observing the cells under fluorescence
microscope. Our results showed that the number of dead
cells detected on PLGA-coated glass slides (Figures 1(b)(i)
and 1(b)(v)) or on PLGA 3D scaffolds (Figures 1(b)(iii) and
1(b)(v)) were negligible on Day 1. However, the number of
dead cells detected on the PLGA-coated glass slides was
markedly higher (Figures 1(b)(ii) and 1(b)(v)) than those on



the 3D PLGA porous scaffolds (Figures 1(b)(iv) and 1(b)(v))
on Day 14. The reason for increased cell death in the 2D
cultures could be due to the faster proliferation rate of MDA-
MB-231 cells on flat surface compared to that of the cells on
3D scaffolds, consistent with the previous observations where
other scaffolding materials were used in 3D cell cultures
[16, 26]. Because of the nature of the staining and imaging
method, some of the cells grown on 3D scaffolds appeared
to be out of focus due to the growth of cells at different
focal planes/depths of the 3D scaffolds (Figure 1(b)(iii) and
1(b)(iv)).

We next inspected the morphological differences between
cancer cells grown on polymeric 2D surfaces and those on
polymeric 3D scaffolds. The results showed that the MDA-
MB-231 cells grown on the 2D PLGA surfaces were in spindle
shapes and populated the surface areas in a more or less
universal way (Figure 1(b)(ii)) while those cultured on the
3D PLGA scaffolds exhibited round shapes and expand as
cell clusters (Figure 1(b)(iv)). These data are consistent with
previous studies that showed distinct morphological features
of cells grown on 3D scaffolds compared to those of cells
gown on 2D cultures [27-29]. The morphological differences
between the two types of cultures could be the results of two
factors. One is the distinct physical features of the surfaces of
the 2D flat and 3D porous scaffolds, with the former being
smooth and even and the latter being rough and uneven
because of the existing pores on the surfaces of the scaffolds.
The other is the spatial interactions between the neighboring
cells and between the cells and the substrata, with the 2D
interactions being “bidirectional” at lateral and basal surfaces
of the cells and the 3D interactions being “multidirectional”
at most or all of the surfaces of the cells. The multidirectional
interaction feature of the 3D cell cultures resembles the char-
acteristics of the closed environment of native tissues, where
the living cells attach to and interact with the surrounding
matrices or/and other cells at all directions. Moreover, even
though cancer cells grown in 2D culture can grow on top of
each other when the cell population reaches confluency, they
hardly form tumoroids as can be commonly achieved in 3D
cultures. Therefore, the morphological properties of cancer
cells within 3D microenvironments could be a fundamental
factor contributing to cancer cell growth, motility, tumor
development, and resistance to therapeutic drugs.

Cancer cell proliferation after adapting the living envi-
ronment is essential for tumor growth. To assess the support
of PLGA in cell proliferation both in 2D and in 3D cultures,
MCF10A and MDA-MB-231 cells were grown on the PLGA-
coated glass slides and the porous PLGA scaffolds for 14 days.
Cell proliferation rates were measured using CCK-8 reagent
on Day 1, Day 7, and Day 14 of culture. The results showed
that MCF10A and MDA-MB-231 cells grown on the PLGA-
coated glass slides proliferated rapidly during the culturing
time (Figure 1(c)). Though a similar trend was observed in the
3D cultures, the proliferation rate of the cells was substantially
lower than that of the 2D cultures (Figures 1(c) and 1(d)).
In addition, the proliferation rate of MDA-MB-231 cells is
slightly higher than that of MCFI10A cells in both 2D and 3D
cultures (Figures 1(c) and 1(d)). A similar discrepancy in cell
proliferation between 2D and 3D cultures was observed in
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our previous studies using native tissue ECM as scaffolding
materials [16] and in studies using other materials [22, 30].
However, increased proliferation rate was observed in JIMT1
breast cancer cells grown on Matrigel compared to regular 2D
cultures [31], suggesting a cell type- or/and culture system-
related phenotype that should be taken into account for
different experimental purposes. Overall, the proliferation
rates of cell lines displayed in 3D culture models resemble
those of tumor models in vivo.

3.2. Surface Receptor Expression of the Cells on Polymeric
Scaffolds. Type I collagen is one of the major components of
breast tissue ECM [16] and integrin «21is a primary receptor
for type I collagen [32]. To investigate whether the synthetic
polymers support the expression of ECM proteins and cell
surface receptors, MCF-10A and MDA-MB-231 cells were
cultured on the PLGA-coated slides for 24 hours, fixed with
4% paraformaldehyde, and stained with antibodies against
type I collagen and integrin a2 as described previously [25].
Immunofluorescence (IF) microscopy detected strong stain-
ing signals of type I collagen and integrin «2 in both MCF10A
and MDA-MB-231 cells (Figures 2(b), 2(c), 2(f), and 2(g)).
Although the MDA-MB-231 cells appeared to be a bit smaller
than the MCF10A cells on the PLGA-coated slides, the overall
expression of type I collagen and integrin «2 in the cancer
cells is lower than in the normal MCFI0A cells (Figures
2(b)-2(d) and 2(f)-2(h)). These data are consistent with a
previous report of lower integrin «2 (ITGA2) expression in
primary breast cancers compared to normal breast tissues
[33]. In addition, basal level expression of integrin o231 may
favor breast cancer cell migration and tumor growth [34, 35]
since high levels of the integrin receptor inhibit cancer cell
migration [36]. We observed a nice colocalization of integrin
a2 receptors with type I collagen in the cells especially around
the edges of the cells, implicating local deposition of type I
collagen on the slide surface and the binding of integrin a2
receptors to the deposited collagen for the attachment and
migration of the cells. Similarly, we examined the expression
levels of type I collagen and integrin a2 in MCFI0A and
MDA-MB-231 cells grown on PCL- or PLGA/PCL- (50/50)
coated slides, and the results were coherent with those seen
on the PLGA substratum (data not shown). Moreover, we
did not notice significant differences in the morphology,
viability, and cell proliferation of the cells grown on PLGA,
PCL, or 3D PLGA/PCL (50/50) surfaces (data not shown).
These data suggest that the synthetic polymeric surfaces or
scaffolds could be used to study certain aspects of cancer
biology. However, care needs to be taken into account in
terms of the choices of different types of synthetic materials
and fabrication methods to make 3D scaffolds for either
biomedical or bioengineering applications owing to different
advantages and limitations of the respective approaches
compared to some biomaterial-based model systems [7].

3.3. Response of Cells Grown on the Polymeric Scaffold to
Drugs. Traditionally, the efficacies of anticancer prodrugs
were initially tested in 2D cell culture systems, and the
promising drug candidates from these studies were further
evaluated in animal experiments before entering clinical
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FIGURE 2: Type I collagen and integrin 2 receptor expression in breast epithelial cells cultured on PLGA-coated surfaces. The expression and
deposition of type I collagen (green) as well as its cell surface receptor integrin a2 (red) expression was inspected in MCF10A and MDA-MB-
231 cells grown on the PLGA-coated glass slides using IF staining couple with confocal microscopy. The nuclei of the cells were stained with

DAPI (Blue). Scale bars, 10 gm.

trials. However, the majority of drug candidates that were
efficacious in 2D cultures failed in animal studies or clinical
trials. One of the main reasons attributed to these drug
testing failures is the inability of 2D culture systems to mimic
the natural tissue microenvironment for cells living in them
behave as they would be in native tissues. There is increasing
evidence supporting 3D tissue cultures as better models to
test efficacies of drug candidates [7].

In this study, we examined the effect of 4-hydroxyta-
moxifen (4-HT), an active metabolite of the estrogen receptor
(ER) antagonist tamoxifen, on the ER-positive luminal A type
of breast cancer T47D cells grown on 3D PLGA scaffolds.
The cells were treated with 1M 4-HT on alternate days
starting on Day 7 through Day 13 after cell seeding on the
scaffolds, and the images were taken on Day 8 and Day 14
time points. The viability of the cells was analyzed using live
and dead cell assays as described before. In consistency with
the drug testing results seen in biomaterial-based 3D tissue
culture studies [16] and animal models [37-39], T47D cells
grown on 3D PLGA scaffolds were less sensitive to 4-HT
than those on PLGA-coated slides (data not shown). T47D
cells treated with vehicle solvent only showed increased cell
proliferation on Day 14 compared to Day 7 and did not show
significant differences in cell viability on Day 7 or Day 14
in cells grown on the 3D scaffolds (Figures 3(a)-3(c) and
3(h)-3(j)). However, the proliferation of T47D cells on the
scaffolds was markedly decreased after 4-HT treatment as
exhibited in the Day 7 and Day 14 images (Figures 3(d)-3(g)
and 3(k)-3(n)). A close to complete cell death was observed
in 4-HT-treated samples on Day 14 (Figures 3(k)-3(n)). These
data collectively support the notion that cancer cells cultured

in 3D environments develop chemoresistance as seen in
native tumors and suggest that the polymeric scaffolds can
be used as tissue-mimicry environments to study cancer cell
responses to therapeutic drugs. The chemoresistance noticed
in 3D cultures could be due to the heterogeneous populations
of cancer cells and the complex physiochemical properties
of the ECM environments deposited by the cells within the
3D structures that affect the permeability of the drugs and
overexpression of multidrug resistance proteins [40-42].

3.4. The Polymeric Scaffold Support of Tumor Formation. To
assess the capabilities of the polymeric porous scaffolds in
supporting tumor formation in mice, porous PLGA scaffolds
were coated with MDA-MB-231 cells, cultured for 24 hours,
and implanted into mammary fat pads of NOD/SCID mice.
Blank scaffolds without cells were used as negative control.
Tumor growth was monitored by an in vivo imaging system
(IVIS) spectrum CT, and tumor sizes were measured with
caliper. The tumors were collected 4 weeks after implantation,
paraffin embedded, and cross-sectioned for immunohisto-
chemistry (IHC) staining and analyzed with IF microscopy.
The animal whole body tomographic images taken at the
experimental end point demonstrated that tumor lumps
were developed from the cancer cell-laden scaffolds, but
not the blank scaffold control groups, during the period of
observation (Figures 4(a) and 4(f)). The IF images showed
that, by end of week 4 after implantation, the scaffolds were
occupied by cells as illustrated by DAPI staining of nuclei of
the cells on the cross sections of the samples (Figures 4(b)
and 4(g)). As expected, the proliferating cell nuclear antigen
biomarker Ki-67 was nondetectable in the blank scaffold
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FIGURE 3: Sensitivity of cancer cells grown on 3D PLGA scaffolds to anticancer drugs. MDA-MB-231 cells cultured on the scaffolds for 7 days
were treated with 4-HT every other day and examined for cell survival on Day 8 and Day 14, respectively. Live cells were indicated by green

signals and dead cells in red signals. Scale bars, 100 ym.

implants and was detected at high levels within the tumors
derived from the MDA-MB-231 cell-laden PLGA scaffolds
(Figures 4(c) and 4(h)), indicating that fast proliferation of
the cancer cell population was established in the scaffolds
embedded within the native breast tissues. On the other hand,
the HER2 receptors, which were negative in the MDA-MB-
231 cells, were detected in some of the stromal cells within the
normal and tumor tissues but not in the cancer cells (Figures
4(d) and 4(i)). We did not notice significant differences in
tumor sizes when comparing the PLGA scaffold groups with
the PCL or PLGA/PCL (50/50) scaffold groups in parallel
animal experiments (data not shown). These data support

the feasibility of applying the porous polymeric scaffolds
in animal tumor model generation with the advantage of
consistent tumor formation within reasonable period of time.

4. Conclusions and Remarks

3D cell cultures have overcome many limitations of 2D
culture models in cancer biology studies. Our data have
added further insights into how the synthetic polymer scaf-
folds can be successfully used in 3D tissue cultures and in
animal tumor models. The phenotypes of the cancer cells
we observed in the 3D cultures with regard to survival,
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FIGURE 4: Support of the polymeric scaffolds for tumor formation in mice. Blank porous PLGA scaffolds (without MDA-MB-231 cells) and
MDA-MB-231 cell-laden PLGA scaffolds were implanted into the mammary fat pads of the mice. Tumor growth were dynamically observed
using IVIS during 4 weeks of the period ((a) and (f)). The cross sections of the tumors collected at the end point of the experiments were
stained for DAPI (blue, (b) and (g)), Ki-67 (green, (c) and (h)), and HER2 (red, (d) and (i)). Scale bars, 100 ym.

morphology, proliferation, type I collagen and its receptor
expression, and response to 4-HT treatment are very encour-
aging for additional research applications of the system in
cancer research. For example, cancer cell migration and
interaction with other types of cells within the 3D pores of
the scaffolds can be studied. Because of the nonbiological
features of the polymeric materials, nucleic acids and proteins
can be extracted from the 3D cultures for further analysis
without interference from biomolecules derived from native
tissues.

Since the conventional tumor generation model, which
injects cancer cells into the dorsal subcutaneous or mammary
fat pads of animals, has big variations in tumor growth
[43-45], our 3D porous scaffold-based animal tumor model
can be very useful in consistently generating experimental
tumors for both biomedical research and preclinical drug
screening. Animal tumors produced using this scaffolding
method can facilitate the observations of cancer biomarker
expression, molecular regulation of cancer progression, and
drug efficacies across tumors at similar sizes and devel-
opmental stages. Importantly, this easy and economically
inexpensive scaffolding method could be adapted to bioengi-
neering and other relevant fields. However, despite the rapid
progress in the development of 3D culture models, there is
not a one-for-all 3D system that could recapitulate all the
features of native human tumors, and each model has its
own advantages and disadvantages. Hence, it is important to
select the 3D culture systems that best fit specific research
purposes.
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The purpose of this article is to present mechanical and physicochemical properties during in vitro degradation of PLGA material
as craniofacial plates based on different values of injection molded temperatures. Injection molded plates were submitted to in
vitro degradation in a thermostat bath at 37 + 1°C by 16 weeks. The material was removed after 15, 30, 60, and 120 days; then
bending stiffness, crystallinity, molecular weights, and viscoelasticity were studied. A significant decrease of molecular weight and
mechanical properties over time and a difference in FT-IR after 60 days showed faster degradation of the material in the geometry
studied. DSC analysis confirmed that the crystallization occurred, especially in higher melt temperature condition. DMA analysis
suggests a greater contribution of the viscous component of higher temperature than lower temperature in thermomechanical
behavior. The results suggest that physical-mechanical properties of PLGA plates among degradation differ per injection molding

temperatures.

1. Introduction

Poly(lactic-co-glycolic acid), PLGA, is a biocompatible,
biodegradable, and FDA-approved polymer. In the last two
decades, PLGA has been considered as one of the most
promising polymers for biomedical engineering applications,
such as plates and screws in craniofacial surgery [1-4]. One
of the techniques used in the manufacturing of medical
devices is injection molding, which allows the development
of complex mold geometries. However, mechanical proper-
ties stability and physicochemical properties of the resorbable
material can also be strongly influenced by manufacturing
process and design of the devices [5-8].

PLGA plates and screws must have suitable strength
and ductility for biomechanical function, biocompatibility,
and degradation. In particular, melt processing temperatures
during injection molding could develop different microstruc-
tures of the manufactured device, including other operative

parameters, such as mold temperature, injection flow rate,
and holding pressure [9]. As semicrystalline, PLGA devices
are heterogeneous systems comprised of highly anisotropic
crystallites, a phase in which the chains show long-range
3D order. The size and distribution of these crystals and
the viscoelasticity are extremely dependent on the molecular
weight distribution and the conditions under which the
material is processed [10]. In manufacturing, the parameters
can affect viscosity and chain orientation during the process
of molded devices, where crystallinity is an important param-
eter because it can increase flexural stiffness and decrease the
impact properties of the final product [10, 11].

Once properties of resorbable polymers devices are
established, degradation rate must be evaluated. Many fac-
tors could influence degradation rate, such as implant
site, mechanical stress, molar mass distribution, chemi-
cal/stereoisometric composition, crystallinity, morphology,
size and geometry of the carrier, and surface roughness
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[10, 12-17]. Biodegradation and reabsorption process of
poly(a-hydroxy acids) is a succession of events. Material is
initially hydrated exposed to the body’s aqueous fluids. With
water molecules presence, the degradation process occurs
through the hydrolysis of the ester linkages, resulting in
products in the form of soluble and nontoxic oligomers
(or monomers). The degradation proceeds passive hydrolytic
cleavage, characterized by changes in molecular weight, glass
transition temperature (Tg), moisture content, and mechan-
ical properties, such as tensile and compressive strength [13,
18, 19]. Therefore, time for osteosynthesis must be less than
the time of the mechanical properties retention.

In this work, PLGA plates were designed and manu-
factured by injection molding as craniofacial bioresorbable
medical devices. Two different melt temperatures were tested
for the injection molding process (i.e., 240 and 280°C). The
high melt temperature condition was defined as the upper
work limit temperature of injection molding manufacturing,
while lower temperature was defined by minimum process-
ability temperature. For both conditions, PLGA craniofacial
plates were evaluated by mechanical properties (bending
stiffness, flexural maximum strength, and storage modu-
lus), physicochemical properties (crystallinity and transitions
temperatures), and morphology during in vitro degradation.

2. Materials and Methods

2.1. Material. Poly(L-lactic-co-glycolic acid) 85/15 granules
(PURASORB PLG 8531) were purchased by PURAC Bioma-
terials (Netherlands). The PLGA 85/15 showed an average
molecular weight, Mn = 224.27 g/mol, and a polydispersity
index of 1.87 (Gel Permeation Chromatography, Viscotek VE
2001, Viscotek Detector TDA 302, USA, 2008). The transition
temperatures declared by the manufacturer are Tg = 57 +
1°C and Tm = 140°C and intrinsic viscosity was 3.04 dl/g
(chloroform, 25°C, ¢ = 0.1 g/dl) (PURAGC, 2012).

2.2. Plates Design and Processing. 'The implant was designed
by 3D CAD SolidWorks 2014 software (Concord, MA). The
design of the craniofacial plate device is characterized by
2mm of thickness, 5.8 mm of width, and 38.7 mm of length
and by 8 aligned holes of 2 mm semicircle screw thread. The
pellets of PLGA were processed using an injection molding
machine (ARBURG 270S, 250-70 model). To investigate
processing influence on PLGA plates properties, two different
melt injection temperatures were considered: low tempera-
ture (T = 240°C, PLGA_lowT) and high temperature (T =
280°C, PLGA _highT). The other processing parameters were
kept constant, as summarized in Table 1.

2.3. In Vitro Hydrolytic Degradation. Injection molded plates
(0.25 £ 0.01g per sample/plate) were desinfected by immer-
sion in 70% v/v ethanol. Samples were immersed (n = 16,
per each condition, per time point) in the phosphate-buffered
saline (PBS) solution (0.25 g/30 ml, pH = 7.4) by storing them
in the thermostatic bath (37 + 1°C) for 15, 30, 60, and 120
days. At each time point, the degradation solution pH (pH
= 7.4) was recorded and the samples were removed from the
buffer solution, washed, and held in distilled water for 1 hour
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TABLE I: Injection molding parameters used to produce PLGA
plates. All the production parameters were kept constant while
varying the melt injection temperature (240°C for PLGA lowT and
280°C for PLGA highT).

PLGA lowT PLGA highT
Melt injection temperatures 240°C 280°C
Mold temperature 25°C
Injection pressure 1500 MPa
Holding pressure 25 MPa
Injection time 2s
Cooling time 90s
Screw speed 100 rpm

to remove as much buffer solution as possible. They were
weighed in the wet condition and then dried in a vacuum
oven at 23°C for 8 h. The samples were kept under vacuum
prior to the characterization tests.

2.4. Dynamic Mechanical Analyses. PLGA lowT and
PLGA_highT specimens were submitted to the mechanical
characterization, performed by a Dynamic Mechanical
Analyzer (DMA Q800, TA Instruments) at the different
degradation points (i.e., 0, 15, 30, 60, and 120 days). For
viscoelasticity analysis, samples (n = 6, gauge length =
16 mm) were tested by setting 1Hz frequency and 0.1%
relative strain of area. DMA tests were performed in the
temperature range of 30-80°C at a temperature rate of
3°Cmin~!. From each test, storage modulus (E"), loss
modulus (E"), and tan 8(E”/E') trends in function of the
temperature were obtained and the transition temperatures
were determined as peak in tan § trends.

For three-point bending tests, samples (n = 5, gauge
length = 10 mm) were tested in three-point flexural mode
(ASTM D790) [20], kept at 37°C, using a test speed of
2Nmin™'. The considered mechanical parameters were
bending stiffness (E f), maximum bending deformation (e f),
and flexural stress (0 ¢), calculated according to the following
equation:

3PL
= — -, 1
717 2bd @
where 0 is stress in the outer fibers at midpoint (MPa); P is
load at a given point on the load-deflection curve (N); L is
support span (mm); b is width of beam tested (mm); and d is
depth of beam tested (mm).

2.5. Differential Scanning Calorimeter Analysis. The crys-
tallinity and thermal properties (melting point, T,,, glass
transition temperature, T,, enthalpy of cold crystallization,
AH,, and enthalpy of melting, AH,,,) were obtained by using
a DSC (Shimadzu DSC-6000) in a nitrogen atmosphere of
19 cm’ m™', using aluminum oxide as standard. The applied
heating rate was 10°Cmin”", from 10 to 250°C, using an
average sample size of 7 mg taken from the central region of
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TABLE 2: Mechanical properties of injection molded PLGA 85/15 plates (mean + standard deviation, n = 3): flexural stiffness, E; flexural

strength, 0,; and maximum flexural strain, ¢, (*P < 0.05).

E (GPa)”* o, (MPa)” e, (%)"
0 days 22+0.1 414 +11.8 2.6 £0.8
PLGA lowT 15 days 21+0.2 54.6 +3.9 35105
30 days 15401 125+ 77 13407
60 days 1.2+£0.1 19.05 + 0.8 28+04
0 days 19+0.1 30.1+3.1 23+0.2
PLGA highT 15 days 2.1+0.07 423+72 29+0.6
30 days 1.9+0.3 245+153 1.8 +0.7
60 days 0.5+0.1 41+0.8 1.0+0.1

molded specimens (n = 3). Degree of crystallinity (X_.) was
determined by using the following formula:

2)

AH,, - AH 1
XC=100><< m )

c X >
AH;, 1-mg
where AH,, is enthalpy of fusion, AH_. is enthalpy of cool
crystallization, AH), is heat of melt of purely crystalline PLA,
taken as 93]/g [10,19], and (1 —m f) is weight fraction of the
polymer in the sample. Crystallization temperature (T,.) was
obtained from the second heating.

2.6. Fourier Transform Infrared Spectroscopy. Fourier trans-
form infrared spectroscopy (FT-IR) was performed using
attenuated total reflection (ATR) mode on a Shimadzu
spectrometer, model TENSOR 27. The spectra of the samples
(n = 3) were obtained in 4000 to 600 cm™! wavenumbers
by 4cm™ resolution. FTIR analysis identified bioresorbable
copolymer functional groups and the possible changes due to
the degradation.

2.7. Gel Permeation Chromatography. Molar mass distri-
bution of the PLGA copolymer was verified by a high-
performance liquid chromatography (GPC) Viscotek VE
2001 coupled to the Viscotek Detector TDA 302, Houston,
Texas, USA (2008). THF solvent was used as the mobile
phase and the parameters included flow rate at 1000 ml/min,
injection volume of 100 ul, increment volume of 0.00333 ml,
and detector and column temperature of 45°C. The injected
volume was always 100 uL and flow velocity was 1cm® min™".
PLA samples were used as standard.

2.8. Scanning Electron Microscopy. SEM was used to observe
the surface morphology of PLGA plates during the in vitro
degradation. At each time point (i.e., 0, 15, 30, 60, and 120
days), PBS was removed from the samples and immersed
in distilled water for 2h. After that, the samples were kept
under vacuum for SEM observation. The samples (n =
2) were covered with a thin layer of gold/palladium using
a cathodic spray (Diode Sputtering System, International
Scientific Instruments) and observed at different magnifi-
cations (original x13) with an acceleration voltage of 10kV
in a scanning electron microscope (SEM) Jeol JSM-6390L
model.

2.9. Statistical Data Treatment. Analysis of variance
(ANOVA) was performed considering a statistical signifi-
cance set at 0.05; p value was investigated for significance of
the factors among melt temperatures. All data are reported
as mean + standard deviation.

3. Results

3.1. Mechanical Tests Analyses. The flexural stiffness, flexural
strength, and maximum flexural strain of PLGA_ low and
PLGA_highT are summarized in Table 2.

Flexural stiffness values, E, showed 2.2 + 0.1 and
1.9 + 0.1 GPa for plates without degradation (0 days) for
PLGA _lowT and PLGA _highT, respectively, and the flexural
strength, 0,, was 41.4+11.8 and 30.1+3.1 MPa, respectively. In
the flexural test, PLGA plates presented break under all con-
ditions. This is probably due to the presence of crystallinity
and chain organization during the solidification of the mate-
rial in the injection molding process. PLGA_lowT plates
support additional load, exhibiting greater flexural strength
at 0 days of degradation. Flexural curves for PLGA lowT and
PLGA _highT during degradation are shown in Figure 1.

Mechanical properties decrease especially after 30 days
studied. DMA curves of PLGA_lowT and PLGA _highT dur-
ing the degradation study are shown in Figure 2. Storage
modulus (E') showed comparable trends and values for the
two injection molding temperatures. The storage modulus E’
(T, at 37°C) was 1.2 + 0.2 GPa for both conditions in plates
without degradation. The behavior of tand§ was different
for the two conditions processed. In particular, the highest
values achieved for PLGA _highT are related to a higher loss
modulus. This behavior suggests a greater contribution of
the viscous component of PLGA _highT than PLGA _lowT in
thermomechanical behavior. T, detected as peak in the tan §

trend was 57.4 + 1.8°C for both conditions.

Storage modulus E' is the component related to the
elastic energy stored; and E" is related to dissipated viscous
energy. Both properties decreased significantly at point 3 (60
days).

3.2. Differential Scanning Calorimeter Analysis. Values of
crystallinity (X,), transition temperatures (T, T,,,1, Ty, T,)
and enthalpies detected by DSC (AH,, AH,,,, AH ) are shown
in Table 3. The values correspond to PLGA_lowT and
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FIGURE 1: Representative stress-strain curves of PLGA _lowT (a) and PLGA _highT (b) at all degradation time points obtained by flexural tests.
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FIGURE 2: Representative curves of storage modulus (E') and tan 8(E" /E’) as a function of the temperature obtained by DMA of the different
degradation points (e.g., 0, 15, 30, 60, and 120 days) for PLGA_lowT (a) and PLGA _highT (b).

PLGA highT, (ie., 0, 15, 30, 60, and 120 days) and for
PLGA _pellet as a control.

The glass transition temperature occurs at 56.0 + 0.5°C
for PLGA lowT and at 52.7 + 0.9°C for PLGA _highT at the
first point studied without degradation (i.e., 0 days). The glass
transition temperature of the preprocessed PLGA samples
(pellet) was detected at 60.4 + 1.8°C. Changes in transition
temperatures for PLGA _lowT and PLGA_highT, compared
to PLGA _pellet, may be referred to changes related to the
molecular chain during the injection molding processing.
The endothermic melting peak of PLGA_lowT appeared at
156.6 + 0.2°C. Considering PLGA _highT, this peak occurs
twice in one shoulder at 151.0 + 2.2°C and 1579 + 1.I°C, due to
differences in crystallinity. Percent crystallinity was measured
by the calculation of (2).

The DSC curves show the difference in the endother-
mic peaks and the presence of high crystallinity only for
PLGA _highT. In addition, there is shoulder presence indicat-
ing two melt temperatures (146 and 157°C), related to the PGA
(15%) and PLA (85%) fractions, respectively. For PLGA lowT,
a very mild melting endotherm occurs at 153.1 + 0.3°C, which
could indicate a second T,,,, even if this value is very close to
the detected T,,,.

The decrease presented by Tg of the copolymer (Figure 3),
as a function of the degradation time, in the period from 0 to
120 days (from 56.0 + 0.5°C with 0 days to 41.7 + 6.6°C for
PLGA _lowT in 120 days and from 52.7 + 0.9 to 41.6 + 0.8°C
for PLGA _highT) indicates rapid hydrolytic degradation of
plates in PBS medium. In fact, this is characteristic of PLGA

copolymers. At the beginning of the degradation process, T,
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TaBLE 3: Degree of crystallinity (X, ) and thermal properties measured by DSC: glass-transition temperature (T,), melting point (T,,), enthalpy
of cold crystallization (AH,), enthalpy of glass (AH,), and enthalpy of melting (AH,,) (" P < 0.05).

T, [Cl T, ['C] T, ['Cl T, ['Cl® AH. [J/g]"  AH, [J/g]" AH,[J/g]" X [%]"
Pellet 60.4 £1.8 — 1461+ 0.1 — — 334+24 1.7+04 35.7
0 days 56.0+0.5 1531+0.3 156.6 £0.2 130.7+24 -23+0.6 43=+15 51x0.5 7.1
15 days 53.0+£32 153.8+22 1575 + 1.8 131.0 £ 0.1 -89+22 50£2.6 59+13 14.8
PLGA lowT 30 days 51.8 +1.2 153.6 £0.9  156.4 +1.0 999 +77 =175+ 3.1 145+6.9 9.6 4.0 34.1
60 days 483+03 1387+42 147.3+5.4 874+ 4.1 -353+78 28.6 +6.8 71+12.0 68.2
120 days  41.7+6.6 1204+02 133.5+1.0 955+0.1 -30.2+0.9 19.7 £ 8.7 141+ 3.8 533
0 days 52.7+0.9 151.0 £2.2 1579 £1.0 1245+42 -24.0+81 179 £51 31+0.3 44.7
15 days 525+31 1541+0.1 1572+2.0 1271145 -99+43 79 £ 3.0 91+£0.4 19.0
PLGA highT 30 days 526+£0.8 152.0+01 156.6+0.4 1021+8.3 —68.6 £3.6 191+71 10.5+ 0.5 93.7
60 days 52.0+11 153.7 £ 0.7 1577 + 1.7 89.0 £3.9 —479+£2.2 7970 1.8 £ 6.5 59.6
120 days  41.6 £0.8 1444 +28 1524 +3.2 96.6 £ 1.3 -28.9+6.9 23.2+41 04+01 55.7
65 - TABLE 4: Absorption bands identified in the FT-IR assay character-
istic of the functional groups present in the PLGA copolymer.
°0 Absorption bands (cm™) Groups
S 55 3000-2850 CH, CH, e CH,
\g 1760-1745 C=0
2 50 1600-1500 0-C=0 (oligomer)
Zot 1450-1370 CH, and CH,
£ 45 1350-1150 CH, and CH
1300-1150 C-O0
a0 800-750 CH
35 = " ” " ” "
E‘: § § § -§ -§ a band at 3400cm™" relating to vibration of OH .ban(k
- @ o S in groups -COO-H and -CO-H at the ends of strings is
observed, indicating a reduction in their size, and also the
- gigi_i?ngfT occurrence of the peak at 1605cm™ corresponds to the

FIGURE 3: Glass transition temperatures (Tg) measured by the DSC
for PLGA_lowT and PLGA _highT.

decrease could be associated with the plasticizing effect of
the plates by the H,O absorption [17]. Moreover, there is an
advanced degree of degradation of plates from 60 days.

3.3. Fourier Transform Infrared Spectroscopy. Absorption
bands were identified in the spectrum of the PLGA lowT
and PLGA _highT plates at the different degradation periods:
an intense band between 1760 and 1750 cm ™, characteristic
of carbonyl (C=0), present in the two monomers, and
a bonding band (C-O) between 1300 cm™! and 1150 cm™,
characteristic of the ester groups. The absorption bands that
are characteristic of the functional groups present in the
PLGA copolymer can be observed in the spectra (Figure 4)
and are shown in Table 4.

The presence of the O-C=0 group near the absorption
band 1600-1500 cm™" indicates signs of degradation; note
that the presence of this band occurs in 60 and 120 days
of degradation in PBS solution. Usually the appearance of

asymmetric stretch of the -COO- group in oligomers.

3.4. Gel Permeation Chromatography. Figure 5 shows the
molar mass distribution (e.g., M,, M,, M,, and M) of
the PLGA studied for the pellet and for the other times of
degradation.

Based on the results presented, PLGA plates have a
narrow (low polydispersity) and monomodal (only one peak)
molar mass distribution. The pellet represents unprocessed
PLGA, in which high molecular mass (e.g., 183407 +
28895 Da) was identified. As shown in Figure 5, values of
molar mass M, decrease from pellet to 0 days of degrada-
tion, which can be explained by material processing during
injection molding.

PLGA plates’ degradation can be observed by mass loss
during the time of contact with the phosphate buffer solution;
however, the degradation speed between PLGA_lowT and
PLGA _highT was different. This behavior probably occurred
due to the reduction of the amorphous phase of the polymers,
since the molecular interaction of the solution with the
copolymer is more propitious in the amorphous phase.
According to Middleton and Tipton (2000) [12], in the
first stage of degradation, there is diffusion of water in the
amorphous regions of the polymer and hydrolytic cleavage
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(a) and PLGA _highT (b).

of the ester bonds of the polymer chains. After much of the
amorphous phase undergoing degradation begins the second
stage in the crystalline phase; therefore, there is a percentage
increase in the degree of crystallinity.

3.5. Scanning Electron Microscopy. PLGA plates’ degradation
during the immersion period in phosphate buffer solution
(PBS, 37°C) is qualitatively confirmed by the SEM images
(magnification x13), as shown in Figure 6.

Figure 7 shows the material degradation process for
PLGA_lowT and PLGA_ highT, which coincides with the
results obtained from the SEM analyses.

Initially transparent PLGA plates become opaque when
degradation process begins. The whitish aspect of the device
is clear in the first 15 days in phosphate buffer solution, which
is an indication of the influence of the degradation process,
as a function of the organization of the chains during the
degradation. During the process, the deformation and brittle
feature of the material can be noted. After 120 days, it was
possible to notice the crumbling of the material and the
absence of mechanical properties. The whitish form can be
noted in point 1 for PLGA_highT, which is less evident in
PLGA _lowT. That could indicate that PLGA_highT is more
sensitive to hydrolytic degradation in less time.

4, Discussion

PLGA copolymer is a promising material for medical devices
applications as craniofacial plates. Medical devices manufac-
tured from aliphatic polyesters degrade through hydrolysis of
the polymer backbone primarily through a bulk degradation
process that includes decline of molecular weight, reduc-
tion in mechanical properties, and loss of mass. Hydrolytic
degradation can be evaluated through molar mass (GPC),
presence of polar groups or oligomers and monomers (FTIR),
and changes in mechanical properties (DMA), transition

temperature changes (DSC), and surface and geometry
(SEM) [21-23]. This study reported the in vitro degradation
of PLGA craniofacial plates tested in two different melt
temperatures of the injection molding process (i.e., 240 and
280°C), corresponding to the processable limits of PLGA,
at different time points. Physicochemical properties such as
molecular weight and mechanical properties were monitored
by FTIR, DSC, and DMA analysis. The results suggested
that the property changes differ according to the injection
molding temperature.

The flexural strengths for the PLGA plates studied in this
work ranged from 1.9 + 0.1 to 2.2 + 0.1 GPa, which compared
with the stiffness (E) of bone (E,,. ~ 6-20GPa), metal
(Epmetal = 100-200 GPa), and poly(lactic acid) (11-72 MPa)
[24], indicating a possible use of these plates under investiga-
tion in non-load-bearing body sites, such as for craniofacial
bone fractures. However, bioresorbable plates PGA-based
copolymers have higher degradation rate than other biore-
sorbable polymers, which limits the useful time of the devices
[25, 26]. Both PLGA plates conditions (i.e., PLGA lowT and
PLGA_ highT) showed rapid degradation, regardless of the
different characteristics of the microstructure during the
degradation.

The evaluated mechanical properties of PLGA_lowT and
PLGA _highT showed suitable values at the beginning of
degradation [27-30]. However, PLGA _highT plates reached
flexural strength peak and maximum flexural strain after 15
days, as observed in Figure 1. A possible reason for this result
is related to the diffusion effect order from PBS solution to
PLGA plates: first, the diffusion occurs to lower molecular
weight chains of PLGA and then to higher molecular chains.
In addition, degradation of resorbable polymers begins from
higher molecular weight to lower molecular weight chains
over time on PBS solution. In addition, smaller polymer
chains can rearrange and relax over time before larger
chains degrade. Thus, the diffusion to the solution of lower
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FIGURE 6: SEM images of the PLGA lowT and PLGA _highT plates at different degradation time (0, 15, 30, 60, and 120 days) (bar scale =

1mm).
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(b)

FIGURE 7: Visual appearance images of the degradation of the PLGA lowT (a) and PLGA _highT (b) plates at the different degradation points:

0,15, 30, 60, and 120 days from left to right.

molecular weight chains of PLGA prior to degradation of the
higher molecular weight fractions renders the material stiffer
after 15 days but with continuing decrease after degradation
of the material.

Moreover, Table 3 shows crystallinity and thermal prop-
erties on degradation of the plates which could be associated
with chains hydrolysis, diffusion, and erosion. At the begin-
ning of the degradation, the phenomenon of surface erosion
can be observed, where molar weight loss is exclusively from
the outside to the inside of the material, where diffusion of
the water molecules, for example, is slower than the release
of fragments from the surface. In another case, the volumet-
ric degradation occurs when water penetrates the polymer
matrix homogeneously, causing hydrolysis throughout. In
this event, there is a relationship between hydrolysis of the
chains and their diffusion and erosion. If any disturbance
occurs, this equilibrium may be undone and a variation of
the mechanism known as autocatalysis via carboxylic and
hydroxyl groups may occur. This autocatalysis in volumetric
degradation causes an acid gradient in the inner part of
the body, causing accelerated degradation to occur at this
site compared to the surface. The oligomers generated in
the central regions can easily diffuse to the surface. This
effect, accompanied by the presence of acid products, may
result in inflammatory reactions in in vivo cases. It is worth
mentioning that the degradation of devices implanted in the
human body, an object of interest in this work, tends to
present an increase in the rate of diffusion and consequent
degradation due to the body temperature around 37°C,
variations in pH, and eventual efforts which may increase
the probability of breaking connections [13, 18, 19, 31]. An
increase in molecular weight will result in more covalent
bonds and thus an increased number of entanglements and
thereby increasing resorption/degradation time [32].

The decrease of properties (Figure 8) was evident at each
time point of the degradation for PLGA _lowT; however,
viscoelasticity properties possibly influenced the dispersion
for PLGA _highT in the first 60 days of degradation, which
showed stable values of the properties found, with drop in the
last two points.

In DSC curves, it was evident that the PLGA_highT
plates would have greater propensity to crystallize than
PLGA lowT plates due to their greater steric regularity
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FIGURE 8: Bending stiffness along the hydrolytic degradation of
PLGA_ _lowT and PLGA _highT plates.

along the polymer chain during processability [33]. Injection
molded PLGA_highT and rapid cooling had the effect to
reduce T, by about 4°C. Furthermore, the cooling time (i.e.,
90s) of injection molding was the same for both plates’
conditions. It means that the cooling rate to reach the
temperature of the mold (23°C) was faster for PLGA_highT
plates. Because of this difference, different crystalline phases
were formed, which may have resulted in the formation of
different sizes of spherulites and irregular crystals in polymer
structure [26, 34, 35].

Moreover, several polymers properties that are important
in terms of their processability and applications are directly
related to the specific molar mass. That could be related to
the fact that mechanical, chemical, and physical properties
are drastically affected by the crystallinity and especially by
the low and high molar mass fractions. Devices for this
application need to be deeper investigated to overcome com-
plications on manufacturing and designs that could influence
the degradation rate after placement such as properties
stability.

5. Conclusion

We have proposed a work limit of temperatures (low
and high) on medical devices as PLGA craniofacial plates
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manufactured by injection molding and tested biomechanical
function degradation of the two conditions of melt process
temperature. Both working temperatures allowed producing
craniofacial plates devices. At low and high temperature
conditions (i.e., 240 and 280°C, resp.), the PLGA plates were
evaluated for mechanical properties (apparent elastic modu-
lus, maximum stress, and storage modulus) and crystallinity.
The mechanical properties (i.e., 2.2 £ 0.1 and 1.9 + 0.1 GPa
of flexural stiffness) of the plate are suitable for osteosyn-
thesis in non-load-bearing anatomical sites (e.g., craniofacial
applications). The differences in crystallinity showed that
we can choose the plate with degradation kinetics more
suitable for the application. Based on all these results, we
can conclude that the proposed process temperatures are
adequate for the manufacture of PLGA craniofacial plates.
In addition, the knowledge presented is useful to better
understand the working limits of bioresorbable implants
and the development of implant geometries with property
control.
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Two groups of PLGA specimens with different geometries (notched and unnotched) were injection molded under two melting
temperatures and flow rates. The mechanical properties, morphology at the fracture surface, and residual stresses were evaluated
for both processing conditions. The morphology of the fractured surfaces for both specimens showed brittle and smooth fracture
features for the majority of the specimens. Fracture images of the notched specimens suggest that the surface failure mechanisms
are different from the core failure. Polarized light techniques indicated birefringence in all specimens, especially those molded with
lower temperature, which suggests residual stress due to rapid solidification. DSC analysis confirmed the existence of residual stress
in all PLGA specimens. The specimens molded using the lower injection temperature and the low flow rate presented lower loss
tangent values according to the DMA and higher residual stress as shown by DSC, and the photoelastic analysis showed extensive

birefringence.

1. Introduction

Implants for medical applications using resorbable polymers
derived from a class of aliphatic polyesters, polyhydroxy
acids, are widely used for internal fracture fixation, wound
closure, sutures, small vessel ligation, and drug delivery [1, 2].
During the injection molding process, polymeric materials
undergo complex thermomechanical histories and significant
changes in their rheological, mechanical, and thermochem-
ical properties due to the large pressure variations, cooling
times, mold geometry, and the manufacturing process [3-
7]. The polymer’s mechanical properties (apparent elastic
modulus, maximum strength), morphology, crystallinity, and
frozen layer thickness are also influenced by injection mold-
ing parameters, such as the melting process temperature,
injection flow rate, holding pressure, mold temperature,

and average bulk temperature [2, 8-11]. Poly(glycolide) and
poly(L-lactide-co-glycolide), which are the synthetic copoly-
mers of lactic acid (a-hydroxypropionic acid) and glycolic
acid (hydroxyacetic acid), respectively, have good fiber-
forming properties but their thermomechanical histories
influence the ductility and degradability of the corresponding
manufactured devices [12, 13].

The crystallinity and frozen layer thickness are controlled
by the combined effect of the cooling rate and the stress
fields imposed during the melting process [14-16]. Viana and
collaborators [5] concluded that the thickness of the PLLA
frozen layer increases with the stress level and decreases
with temperature, while its degree of crystallinity increases
with both shear stresses and temperature. On the other
hand, Pantani et al. (2005) [17] indicated that the poly(acid
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lactide) frozen layer thickness increased when either the
flow rate or the mold temperature decreased and that a
correlation existed between the two parameters. Residual
stresses and molecular orientations throughout a product
provide important information about how that product
will perform. Residual stresses are introduced by nearly all
techniques used for polymer manufacturing and they can also
be introduced by nonuniform flow, differential packing, or
cooling. Therefore, an assessment of the mechanical behavior
and structural characteristics of PLGA resulting from distinct
injection molding parameters of absorbable polymers can
provide valuable information.

This study provided an overview among processing con-
ditions, morphology, and mechanical property relationship of
injection molded PLGA. Two specimen groups with different
geometries (notched and unnotched) were injection molded
using two melting temperatures and flow rates (low and
high). These choices generated four different processing con-
ditions for both groups. For each processing condition, the
mechanical properties (apparent elastic modulus, ultimate
strength, elongation at failure, storage modulus, and loss
tangent), morphology at fracture surface, and residual stress
were evaluated.

2. Experimental

2.1. Materials. Poly(lactic-co-glycolic acid) 85/15 granules,
commercially available as Purasorb PLG 8531, purchased
from Corbion Purac Biomaterials (Holland), were used in
this study. The PLGA 85/15 average molecular weight of Mn
= 224,271 g/mol and polydispersity of 1.87 were determined
using Gel Permeation Chromatography (GPC) (Viscotek

TABLE 1: Injection molding conditions for notched and unnotched
PLGA specimens.

Injection condition T(°C) Q(cm’®s™)
I 240 25
I 240 10
11 210 25
v 210 10

VE 2001, Viscotek detector TDA 302, USA, 2008). This
copolymer has T, of 57 + 1°C, T,,, = 140°C, and 3.04dL/g

of intrinsic viscosity (chloroform, 25°C, ¢ = 0.1 g/dL).

2.2. Injection Molding Specimens. PLGA pellets were injec-
tion molded with an ARBURG 270S/250-70 machine into
two groups of specimen geometries, notched and unnotched,
adapted from ASTM D1822 type S and ASTM D638 type V.
Both groups had a rectangular format of 62 x 16 mm of length
and a cross section of 10 x 2 mm. Notched specimens had a
1.5 mm notch radius (stress concentration factor of 2.4), while
unnotched specimens had a narrower section with a radius of
60 mm (see Figure 1).

Two (low and high) melt injection temperatures and
two injection (low and high) flow rates were investigated,
generating four injection conditions shown in Table 1.

The other processing parameters had the following
fixed values: mold temperature: 25°C, injection pressure:
1500 MPa, holding pressure: 25MPa, injection time: 2s,
cooling time: 90 s, and screw speed: 100 rpm.
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TABLE 2: Mechanical properties of notched and unnotched PLGA specimens injected with different molding conditions.
Injection condition Ty (C) Qiy (em®s™) E (GPa) o, (MPa) &s (%)
I 240 25 56+0.4 631+12 27+03
Notched 11 240 10 4.8+0.2 655+ 1.4 33105
111 210 25 48+0.4 54.0 +11.0 1.9+1.0
v 210 10 48+0.3 67.6 £ 0.7 45+0.3
I 240 25 35+0.1 63.4 +1.1 434+19
Unnotched 1I 240 10 34+01 62.3+2.3 71+43
111 210 25 3.7+0.2 62.3+3.0 34+20
v 210 10 4.0+£0.3 649 +1.1 49+11

2.3. Mechanical Characterization

2.3.1. Tensile Test. The two different specimens were tested
in an EMIC testing machine, model DL-3000, in the tensile
mode as per ISO 527-1. The elongation of the specimens
was measured using an extensometer, Instron/EMIC 2630-
107. The tests were performed using a moving grip speed
of Immmin~' at a controlled room temperature of 23°C.
Six specimens (n = 6) for each condition for each group
were tested. The mechanical properties investigated were
the apparent elastic modulus (taken as the initial slope of
the engineering stress-strain curve) E, ultimate strength
(maximum stress value of the engineering stress-strain curve)
0,, and engineering strain at failure ¢ .

2.3.2. Dynamical Mechanical Analysis. A DMA-Q800 ana-
lyzer (TA Instruments) with a single cantilever clamp was
used for the viscoelastic tests. Dynamic mechanical analysis
(DMA) provided the storage modulus E’' and tan & values
at a frequency of 1 Hz within the temperature range of 30°C
to 120°C using a heating rate of 3°C/min and a transversal
displacement amplitude of 0.3% of the effective length of the
specimen.

2.4. Scanning Electronic Microscopy. Scanning Electronic
Microscopy (SEM) analysis was used to evaluate the fractured
surface of the PLGA (85/15) specimens submitted to the
tensile test and also to observe the frozen layer thickness
and other morphological characteristics such as molecular
orientation of shear force caused by molding injection. The
analysis was conducted on all conditions of injection molding
for the two groups of specimens.

In order to obtain good quality PLGA images, the speci-
mens were fixed to a support with a double-sided carbon tape.
For electronic conductivity, the specimens were covered with
a thin layer of gold in a sputter model D2 Diode Sputtering
System, manufactured by ISI (International Scientific Instru-
ments). The fractured surfaces and thicknesses were observed
using a JEOL JSM-6390LV (FEI Company, Japan) scanning
electron microscope with an accelerating voltage of 5 kV.

2.5. Differential Scanning Calorimetry and Residual Stress
Analysis. Differential scanning calorimetry (DSC) was used
to determine the thermal transitions and residual stress

enthalpy of the injection molded PLGA specimens in a Shi-
madzu DSC-6000 with nitrogen atmosphere (19 cm’m™),
using aluminum oxide as standard. The heating rate was from
10°C to 250°C at 10°C m™", using an average sample weight of
7 mg taken from the central region of the molded specimens.
The residual stresses of the manufactured specimens were
also evaluated by the polarized light technique using a polar-
iscope with polarizing and quarter-wave lenses of 250 mm
diameters, following the ASTM D4093 [18].

2.6. Data Analysis. Analysis of variance (ANOVA) was per-
formed considering statistical significance set at 0.05; the p
value was investigated for significance of the factors among
injection molding conditions. All data are reported as mean
+ standard deviation.

3. Results and Discussion

The processing conditions were systematically varied fol-
lowing a DOE array involving notch presence on geometry,
melt temperature, and flow rate. Mechanical properties, as
apparent elastic modulus, ultimate strength, elongation at
failure, storage modulus, and loss tangent, were estimated by
tensile test and DMA. The two morphological parameters,
morphology at fracture surface and residual stress, were inter-
preted by the thermomechanical parameters. ANOVA was
performed to measure statistically the significant response.
The relationships between the morphology and mechanical
properties were then established.

3.1 Tensile Test. Figure 2 shows the curves for stress versus
strain for the notched and unnotched molded specimens
using low and high values of melt injection temperatures and
the two injection flow rates.

Table 2 contains the average values of E, ¢, and &, at
each injection condition for both notched and unnotched
groups. Similar mechanical properties were found for the
injected PLGA specimens that were molded under different
processing parameters (notched or unnotched samples), as
shown in Table 2. But there is an evident difference between
notched and unnotched samples relative to the apparent
elastic modulus E mechanical property. The apparent elastic
modulus E and ultimate strength o, show low sensitivity
to the injection conditions for both the notched and the
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FIGURE 2: Stress-strain curves (means) of notched (a)/and unnotched (b) specimens of injection molded PLGA.

FIGURE 3: Sequence of images of tensile test for notched (a) and unnotched (b) specimens injected under Condition I.

unnotched groups of specimens.
standard deviation found for o, in
under Condition III (see Table 2)

This low sensitivity reveals/a certain level of material
toughness. In order to achieve/nearly the same value of o,
for both geometries, the matgrial localized near the notch
valley seems to allow plastic deformation during loading
to finally reach an almost constant stress distribution prior
to the occurrence of a gomplete cross section (plastic)
collapse. On the other hand, it is important to note that
specimens, even those injected under the same conditions,
showed different macrgscopic behaviors at failure. While
some showed a clear necking formation, others fractured
without this formation. This observation is consistent with
the large standard deyiation found for ;.

owever, there was a high
e notched group injected

Sensitivity to the injection conditions showed that strains
at failure presented slightly higher mean values for Condi-
tions IT and IV (low injection flow rates) than for Conditions
I and III (high injection flow rates), for both notched and
unnotched groups.

3.2. Scanning Electronic Microscopy. Figure 3 presents a
sequence of images that illustrate the progressive localization
(necking) of strains prior to total failure of one of the notched
specimens injected under Condition I. In these pictures,
the capacity of the material to withstand plastic strain is
macroscopically visible, as was already mentioned when
discussing ultimate strength o,,.

Unnotched specimens, as Figure 3 shows, present elon-
gation along the specimen with longitudinal spread failure
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FIGURE 5: Storage modulus and loss tangent as a function of temperature for PLGA specimen injection molded under different conditions (I,

IL, 111, and IV). Curve for unnotched (a) and notched (b) specimens.

after 60 s, while notched specimens present stretching in the
center region due to the stress concentrator (e.g., notch).
Although there were different behaviors, the brittle feature of
the material occurs in both geometries (see Figure 4).

It is worth emphasizing once more that a different macro-
scopic behavior at failure was observed even in specimens
injected under the same condition; while some specimens
presented clear necking formation, others failed without this
formation showing flatter fracture surfaces (Figure 3).

SEM images of fractured surfaces are shown in Figure 4.
These images are representative of those samples that did
not show a clear necking formation. In these figures, it is
possible to see flat fractured surfaces with some evidence of

localized plastic flow, mainly in the notched specimens. The
plastic fractures along the borders of the notched specimens
are clear. This can be related to a different behavior between
the core and borders and is due to the existence of the frozen
layer. The existence of a thicker frozen layer in this group of
specimens seems to be consistent with the fact that thicker
frozen layers are related to higher flow rates as seen in the
notched region of this group.

3.3. Dynamical Mechanical Analysis. Figure 5 shows repre-
sentative curves of storage modulus E' and tan & (tan 8 = E"/
E') as functions of temperature for notched and unnotched
specimens.
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FIGURE 6: Photoelastic fringes of notched and unnotched specimens for Conditions I, II, ITI, and IV.
TABLE 3: Relaxation enthalpy values for PLGA specimens determined by DSC.
PLGA specimens Condition I Condition II Condition IIT Condition IV
Unnotched 2.8(+0.3)J/g 4.2 (+0.6) J/g 3.7 (+0.3) J/g 3.8 (+0.5)]/g
Notched 3.6 (£0.2) J/g 3.7 (£0.5) J/g 5.2(+0.3) J/g 4.5(+04)]J/g

Sensitivity of the storage modulus to the injection condi-
tions did not show a clear trend in the notched and unnotched
specimens. Remember that due to the differences in geometry
the storage moduli of the notched and unnotched specimens
are not comparable. The only visible response is the lowest
value of the loss tangent (tand) reached by Condition IV
(lower temperature and flow rate) for both notched and
unnotched geometries, characterizing lower dissipation due
to viscous micromechanisms.

Moreover, DMA was carried out to characterize the
resulting copolymer in the four conditions. As shown in
Figure 5, one obvious transition behavior was observed, des-
ignated as relaxation. It is well known that the glass transition
temperature (T,;) of a polymer can be determined by relax-
ation, as it is usually related to the segment movements in
the noncrystalline area. This behavior, associated with broad
peaks, nonexisting in a second heating scan, is characteristic
of an incomplete crosslink process of copolymers formula-
tions. In fact, tan§ also indicates the composite damping
capacity, which has a maximum value at the amorphous
transition. As a PLGA copolymer, a possible reason why
the curves went up above 100°C is the presence of residual
monomers.

3.4. Differential Scanning Calorimetry and Residual Stress
Analysis. 'The injection molding of transparent polymers can
induce a peculiar stress field that is clearly detected by pho-
toelastic stress analysis [18, 19]. In Figure 6, the isochromatic
maps for notched and unnotched specimens are shown.
Notably, the isochromatic fringes have an asymmetric pattern
distribution. This means that injection molding imposed
an asymmetric thermomechanical environment onto the
injected polymer that is related to the concentration of
residual stresses near the injection gate.

The stress concentration decreases uniformly on the
opposite side of the specimen at a different rate for each
molding condition. The residual stresses arise during the
filling and the packing processes. The wide distribution of
residual stresses present in the specimens molded with the
lower temperature is probably due to the nonuniform shear
stress during cavity filling and rapid solidification. On the
other hand, the concentrated residual stresses near the gate
present in the specimens molded with the higher temperature
are due to the compressive force caused by the holding
pressure during the slower solidification.

In terms of stress shielding, Condition IV is the most
propulsive to show a different behavior, since Condition 4
presents the lower temperature and lower flow rate. Then,
the mold filling during injection molding along the specimen
exhibited different characteristics due to the high shear stress
between the polymer and the wall of the mold. The shear
stress causes different lines of residual stress between notched
and unnotched specimens.

DSC curves (Figure 7) show the transitions for the PLGA
pellets and for the PLGA molded specimens under different
conditions. The molded specimen curves present a clear
endothermic peak together with the glass transition related
to the stress relaxation enthalpy of PLGA [20]. The residual
stress was determined by measuring this relaxation enthalpy
peak area at glass transition and is presented in Table 3.
The relaxation enthalpy values were higher for the notched
specimens molded under Conditions III and IV; that is, the
lower temperature resulted in higher residual stresses at the
center of the specimens in the notched region.

The DSC curves evidence the difference in the endother-
mic peaks and the presence of crystallinity only for Condition
II. For this condition, a shoulder indicating two melting
temperatures is present, related to PGA (15%) and PLA (85%)
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FIGURE 7: Calorimetry curves for PLGA pellets and molded specimens under different process conditions (I, II, III, and IV).

fractions, respectively, even though this value is very close to
the detected T,,,.

Moreover, it is possible for residual stress to be reduced
or eliminated with heat treatment to avoid influencing
mechanical properties and fracture surface morphology of
PLGA specimens. The present DSC curves are about the
processed specimens without any treatment to show the

results of the injection molding process. Heat treatment after
the manufacturing of the devices in medical applications
could possibly cause degradation of the material.

4. Conclusion

Similar mechanical properties were found for the injected
PLGA specimens that were molded under different



processing parameters. The melt temperature can influence
the injection molded device and can be influenced by other
parameters of injection molding. Flow rate is strongly
associated with the shear rate and therefore has effects on
melt temperature, molecular orientation, strains at failure,
and residual stresses. The morphology of fractured surfaces
of the notched and unnotched specimens showed flat and
smooth fractures for the majority of the specimens. The
macroscopic mechanical behavior of the injected specimens
presented low notch sensitivity, suggesting the existence of
a certain level of material toughness. The strains at failure
presented slightly higher mean values for Conditions II and
IV (low injection flow rate) than for Conditions I and III
(high injection flow rate), for both notched and unnotched
specimens. There were localized deformations near the
specimen surface different from the core region. This can
be related to the orientation of the skin layer, especially in
the notched specimens. Polarized light techniques indicated
birefringence throughout all specimens, especially in those
molded under lower temperature, which suggests residual
stress due to rapid solidification. DSC analysis confirmed
the existence of residual stress in all PLGA specimens. The
specimens molded using the lower injection temperature and
lower flow rate (Condition IV) presented lower loss tangent
values according to DMA and higher residual stress as shown
by DSC, and photoelastic analysis demonstrated extensive
birefringence along the specimen. Molecular restriction in
the chain rotation and conformation due to the thick oriented
skin layer can explain the less viscous behavior observed.
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