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The surface composition and functionality of biomaterials
and scaffolds are the most important factors for their applications in biomedical fields and tissue regeneration. Bulk and
surface properties of biomaterials influence vital cell activities
such as cell adhesion, proliferation, extracellular matrix
secretion, and differentiation. Nano-/microstructural control
is found to be another key factor in tailoring the bioactivity of
material surfaces. The morphological/topographical designing of the grafts is also proved to be a strategic approach
in improving the bioactivity and biological responses of the
biomaterial. Furthermore, the nano-/microstructured grafts
possess higher specific surface area, which will provide much
more adsorption sites to adsorb bioactive molecules.
In view of these specialties of the biomaterials, several
investigators are invited to contribute original research findings that can stimulate continuing efforts to understand
the dimensions of the polymers and bioceramics as well
as their composites essentially with bioactive compositions
along with 2D/3D nano-/microlevel surface structures. The
special issue is divided into three categories based on the key
words of nanoparticles, surface control, and 3D scaffolds. The
published works are briefly addressed as follows.
In the category of nanoparticles, S.-J. Han et al. prepared
herceptin-immobilized CdSe/ZnS core-shell quantum dots
(QDs). Mean size of the quantum dots (28 nm) as determined
by dynamic light scattering was increased up to 86 nm
after herceptin immobilization. It was found, from in vitro
cell culture experiment, that keratin forming cancer cells
(KB) were well proliferated in the presence of herceptinconjugated QDs (QD-Her) while most of breast cancer cells
(SK-BR3) were dead. The data from confocal laser scanning

microscope showed that the QD-Her specifically bound
to the membrane of SK-BR3 and almost saturated after
6 hours of incubation. This result suggested that growth
signal of the breast cancer cell is completely inhibited by
specific binding of the herceptin to the Her-2 receptor of
SK-BR3 membrane, resulting in cell death. A. Takahashi
et al. reported impact of core-forming segment structure
on drug loading in biodegradable polymeric micelles using
PEG-b-poly(lactide-co-depsipeptide) block copolymers. As a
result, the drug loading increased with increase in the mole
fraction of depsipeptide unit in the hydrophobic segments.
Y. Huang et al. prepared reduction-triggered breakable polymeric micelles incorporated with methotrexate (MTX) using
amphiphilic PAA-g-PEG copolymers having S–S bonds in
the backbone. The drug loading content and drug loading
efficiency increased along with more hydrophobic segments
in the copolymers. In reductive environments, the entire
MTX payload could be quickly released due to the reductiontriggered breakage of the micelles.
In the category of surface control, J. Kang et al. immobilized bone morphogenetic protein (BMP) on DOPA- or
dopamine-treated titanium surfaces to enhance osseointegration. The immobilized BMP induced specific signal
transduction and alkali phosphatase, a differentiation marker.
J. O. Eniwumide et al. investigated the potential of a
novel micropatterned substrate for neocartilage formation.
In the comparison of flat and honeycomb-patterned surface,
accumulation of DNA and keratin sulphate was higher
on the honeycomb surface, suggesting potential usefulness of honeycomb-based scaffolds during early cultures
of neocartilage and engineered soft tissue. T.-Y. Kwon et
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al. examined the polymerization shrinkage of five dental
modeling resins as well as one temporary PMMA/MMA
resin (control). They concluded, from the study of final
volumetric shrinkage values for the modeling resins, that
the optimal control of the polymerization kinetics seems
to be more important for producing high-precision resin
structures rather than using dental modeling resins. S. W.
Hong et al. studied enhanced neural cell adhesion and neurite
outgrowth on graphene-based biomimetic substrates. The
result implied that graphene and CNTs, even though they
were the same carbon-based nanomaterials, show differential
influences on neural cells. Furthermore, graphene-coated or
-patterned substrates were shown to substantially enhance
the adhesion and neurite outgrowth of PC-12 cells. M. J.
Kim et al. synthesized and evaluated biodegradable and
elastomeric polyesters (poly(glycerol sebacate) (PGS)) using
polycondensation between glycerol and sebacic acid to form
a cross-linked network structure without using exogenous
catalysts. They reported that synthesized materials possess
good mechanical properties and elasticity and surface erosion
biodegradation behavior and that the surface morphology
and thickness of coating layer could be controlled by adjusting the electrospraying conditions and solution parameters.
In the category of 3D scaffolds, X. He et al. prepared cylinder-shaped porous sponges of poly(L-lactic acid),
poly(DL-lactic-co-glycolic acid), and poly(𝜀-carprolactone).
SEM observation showed that the cylinder-shaped sponges
had evenly distributed bulk pore structures and the wall
surfaces were less porous with a smaller pore size than the
wall bulk pore structures. The porosity and pore size of the
sponges could be controlled by the ratio and size of the porogen materials. They also studied collagen scaffolds with controlled insulin release and controlled pore structure for cartilage tissue engineering. Collagen-microbead hybrid scaffold
was prepared by hybridization of insulin loaded PLGA
microbeads with collagen using a freeze-drying technique.
The pore structure of the hybrid scaffold was controlled by
using preprepared ice particulates having a diameter range
of 150–250 𝜇m. Hybrid scaffold had a controlled pore structure with pore size equivalent to ice particulates and good
interconnection. Culture of bovine articular chondrocytes
in the hybrid scaffold demonstrated high bioactivity of the
released insulin. The hybrid scaffold facilitated cell seeding
and spatial cell distribution and promoted cell proliferation.
H. H. Oh et al. fabricated and characterized thermoresponsive polystyrene nanofibrous mats for cultured cell recovery.
Cultured cells were easily detached from the PIPAAm-grafted
surfaces by reducing culture temperature to 20∘ C, while negligible cells were detached from ungrafted surfaces. Moreover,
cells on PIPAAm-grafted PS nanofibrous mats were detached
more rapidly than those on PIPAAm-grafted PS dishes. Y.
I. Yoon et al. fabricated nano-/microfibrous scaffolds using
melt and hybrid electrospinning and surface modification of
poly(L-lactic acid) with plasticizer. The silk fibroin (SF)/PLA
(20/80) scaffolds consisted of a randomly oriented structure
of PLA microfibers (average fiber diameter = 8.9 𝜇m) and
SF nanofibers (average fiber diameter = 820 nm). The PLA
nano-/microfiber (20/80) scaffolds were found to have pore
parameters similar to the PLA microfiber scaffolds. The PLA
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scaffolds were treated with plasma in the presence of either
oxygen or ammonia gas to modify the surface of the fibers.
They claimed that the control of surface property and fiber
diameter could be useful in the design and tailoring of novel
scaffolds for tissue engineering.
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We synthesized and evaluated biodegradable and elastomeric polyesters (poly(glycerol sebacate) (PGS)) using polycondensation
between glycerol and sebacic acid to form a cross-linked network structure without using exogenous catalysts. Synthesized materials
possess good mechanical properties, elasticity, and surface erosion biodegradation behavior. The tensile strength of the PGS was
as high as 0.28 ± 0.004 MPa, and Young’s modulus was 0.122 ± 0.0003 MPa. Elongation was as high as 237.8 ± 0.64%, and repeated
elongation behavior was also observed to at least three times the original length without rupture. The water-in-air contact angles of
the PGS surfaces were about 60∘ . We also analyzed the properties of an electrospray coating of biodegradable PGS on a nitinol stent
for the purpose of enhancing long-term patency for the therapeutic treatment of varicose veins disease. The surface morphology
and thickness of coating layer could be controlled by adjusting the electrospraying conditions and solution parameters.

1. Introduction
Biodegradable elastomers are important materials for a wide
variety of medical applications. Elastomers have gained
popularity because they can provide stability and structural
integrity in mechanically dynamic environments without
irritation to the host tissues [1, 2], and they exhibit mechanical
properties similar to those of soft tissues [3–5]. For the special
scaffold requiring strong mechanical properties, tough and
biodegradable elastomers (poly(𝜀-caprolactone) (PCL) [6, 7],
poly(glycerol sebacate) (PGS) [8], and their blended materials) were frequently adapted for in vivo tissue regeneration
or substitution trials in many clinical fields [9–11]. But these
attempts were mainly related to the improvement of tissue
regeneration capability, drug sustainability, and cell adhesion
properties through electrospinning process [12–14].
Stent surgery is widely used for therapeutic treatment of
coronary artery and varicose veins disease, and several kinds
of commercialized bare metal stents have been used in clinical
settings in spite of their risks including inflammation, late
thrombosis or restenosis, and fracture formation in longterm duration.

To reduce such complications, we selected PGS as
biodegradable and elastic polymer for the enhancement of
mechanical strength and durability of bare nitinol stent
which is used for the interventional treatment of superficial
femoral artery disease. PGS (one of the excellent, tough,
and biodegradable polymers) was obtained as low molecular
weight (<10,000) prepolymer through polycondensation and
often blended with PCL for satisfying electrospray condition
because of its weak solution property (low viscosity in organic
solvent). After electrospray coating, their own tough and
elastic behaviors were exhibited through additional curing
reaction.
In this study, we synthesized relatively high molecular
weight (31,000 in 𝑀𝑤 ) PGS prepolymer and examined the
suitability for electrospray coating method (a useful technique to obtain uniform coating layer on three-dimensional
structures [15–20]), and we also confirmed the biodegradable
and elastomeric properties after postcuring. For the basic
study of this purpose, we measured the surface morphology
and thickness of the coated films to study the feasibility of
PGS as a novel coating material for nitinol bare stent. By this
method, we expect that stent durability, which is essential
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factor for the therapeutic treatment of varicose veins disease,
will enhance.

2. Experimental
2.1. Materials and Synthesis of PGS [2, 8]. The PGS polymer was synthesized by polycondensation of 0.1 mol each
of glycerol (glycerin, 99.0%, Samchun Pure Chemical Co.,
Seoul, Korea) and sebacic acid (Tokyo Chem. Indus. Co.,
Tokyo, Japan). Both reagents were mixed together in a
three-necked flask at 130∘ C under an argon environment for
3 h, and the pressure of reaction flask was reduced from
1 Torr to 40 mTorr. After pressure reduction, the reaction was
continued for 45 h at 120∘ C under a reduced atmosphere.
Then partly cross-linked PGS prepolymer was obtained (yield
for viscous liquid phase polymer, above 80%). Supplemental
cross-linking (postcuring) reaction of PGS prepolymer was
done in vacuum oven at 100∘ C for additional 48 hours.
2.2. Polymer Characterization. The resulting material after
supplemental cross-linking was soaked in 100% ethanol
for 24 h and was subsequently soaked in PBS for 24 h to
remove unreacted reagents prior to instrumental analysis and
mechanical testing.
Polymer synthesis was confirmed by GPC, 1 H-NMR, and
FT-IR measurements. GPC (gel permeation chromatography,
Waters 515, Styragel column, Milford, MA, USA) was used
to measure the time-dependent molecular weight changes of
PGS prepolymer. A PGS solution (1 wt%) was prepared in
chloroform (as the mobile phase of GPC) for the measurements. The elution rate of the mobile phase was adjusted to
1 mL/min, and a styrene standard was used for molecular
weight calibration. 1 H-NMR (nuclear magnetic resonance,
Varian Unity Inova, 500 MHz, Germany) spectra for PGS
prepolymer were obtained using CDCl3 as a solvent The
chemical composition was determined by calculating the
signal integrals of –COCH2 CH2 CH2 – at 1.2, 1.5, and 2.2 ppm
for sebacic acid and –CH2 CH– at 3.7, 4.2, and 5.2 ppm
for glycerol. Also, each functional group of the synthesized
polymers was examined by FT-IR (Bruker IFS-66/S FT-IR,
Bruker Optics, Germany).
Tensile tests after postcuring were conducted on 22 ×
6 × 1.5 mm (according to ASTM standard D412-a) polymer
strips cut from polymer sheets on a UTM LR30K Plus (Lyord
Instrument Ltd., West Success, UK) equipped with a 250 N
load cell.
The strain rate was 50 mm/min, and all samples were
elongated to failure. Values were converted to stress-strain
and Young’s modulus was calculated from the initial slope
using 4–6 samples. The cross-linking density (𝑛) was calculated according to the theory of rubber elasticity using the
following equation [2, 21]:

𝑛=

𝜌
𝐸0
,
=
3𝑅𝑇
(𝑀𝑤 )𝑐

(1)

where 𝑛 represents the number of active network chain
segments per unit volume (mol/m3 ), (𝑀𝑤 )𝑐 represents the
molecular weight between cross-links (g/mol), 𝐸0 represents
Young’s modulus (Pa), 𝑅 is the universal gas constant, 𝑇 is the
absolute temperature (K), and 𝜌 is the measured elastomer
density (g/cm).
Swelling by hydration of postcured PGS was conducted
by the immersion of cross-linked PGS samples in PBS (phosphate buffered solution), deionized water, and ethanol. The
swelling ratio was calculated using the following equation:
Swelling ratio (%) =

𝑊𝑠 − 𝑊𝑜
× 100,
𝑊𝑜

(2)

where 𝑊𝑠 represents the weight of swollen PGS and 𝑊𝑜
represents the weight of dried PGS.
To calculate the surface energy of the polymers, we
measured the contact angles in deionized water, dodecane, 1,1,2,2-tetrabromoethane, and glycerin using a contact
angle meter (GBX DIGIDROP, Scientific Instrumentation,
Romans, France) at room temperature. The surface energy
was calculated by the following:
𝛾𝑠 = 𝛾𝑠𝑎 + 𝛾𝑠𝑏 + 𝛾𝑠𝑐 ,
𝛾 (1 + cos 𝜃) = 2√𝛾𝑠𝑎 ⋅ 𝛾𝐿𝑎 + 2√𝛾𝑠𝑏 ⋅ 𝛾𝐿𝑏 + 2√𝛾𝑠𝑐 ⋅ 𝛾𝐿𝑐 ,

(3)

where 𝛾𝑠𝑎 , 𝛾𝑠𝑏 , 𝛾𝑠𝑐 were collected from a previous report [22].
2.3. In Vitro Degradation. The degradation test was conducted using an enzyme solution (porcine liver esterase, 40
units/mL in PBS), an NaOH solution (0.1 mM), and PBS (pH
7.0). Disk-type postcured PGS specimens (10 mm in diameter,
2 mm in thickness) were degraded under in vitro conditions
for predetermined time intervals. Degradation profiles were
measured by incubating PGS in three kinds of solutions
(20 mL) at 37∘ C with shaking. After the predetermined incubation time, the samples were removed, washed in deionized
water, dried at 90∘ C for seven days, and weighed to determine
the weight loss. The degradation ratio was calculated by
comparing the initial weight (𝑊0 ) with the weight measured
at a given time point (𝑊𝑡 ).
2.4. Electrospray Coating of PGS on Nitinol Stents. Nitinol
stents (10 × 75 mm, diameter × length) were kindly provided
from S&G Bio Co. (Sungnam, Korea) and used as specimens
in the PGS prepolymer coating experiments. They were
cleaned before use in a water/ethanol (1 : 1 in volume ratio)
solution using an ultrasonic cleaner. The experimental setup
and processing conditions for the electrospray coating are
shown in Figure 1. An acetone and ethanol mixture (3 : 7 in
volume ratio) was used as a solvent for the PGS prepolymer
(𝑀𝑤 = 31,000 g/mol) solution. The electrospray coating process was done using eSpray electrospraying system (NanoNC,
Seoul, Korea) equipped with 20 mL syringe fitted with a
needle (32 gauge, I.D., 0.1 mm and O.D., 0.23 mm)on KDS

BioMed Research International

3
High-voltage supply

Solution in
syringe pump

⟨Electrospray coating condition⟩
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∙ Voltage: 16.9 kV
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∙ Volume: 0.5–3 mL
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Substrate: nitinol (shape memory alloy) stent

Figure 1: Schematic diagram of the electrospray coating process.
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Figure 2: Polycondensation of glycerol and sebacic acid yielding the PGS polymer.

100 syringe pump (KD Science, Holliston, MA, USA). Nitinol
stent was rotating on the collector side connected with electrode during electrospray coating process. After electrospray
coating, for the supplemental cross-linking of coated PGS, the
coated stents were placed in a vacuum oven at 100∘ C for 48 hrs
additionally.
The morphologies of the coated surfaces were characterized by scanning electron microscopy (SEM; S-2400,
Hitachi, Tokyo, Japan). The polymer-coated surfaces were
sputter-coated with Au-Pd using a sputtering system before
SEM observation. To evaluate the thickness of the coated
polymer films on the stent strut, the morphology of the
cross-sectionally cut surface in a liquid nitrogen environment
was investigated with SEM.

3. Results and Discussion
3.1. Polymer Characterization. The PGS polymer was prepared by polycondensation of glycerol and sebacic acid
(Figure 2) after 48 hours of reaction time. The resulting

polymer had a small number of cross-linking points and
hydroxyl groups directly attached to the backbone, as were
seen by spectroscopic analysis. After 48 hours of reaction
time, the obtained partly cross-linked PGS prepolymer had
a weight-average molecular weight (𝑀𝑤 ) of 31,000 and a
number average molecular weight (𝑀𝑛 ) of 2,300 (as determined by GPC) with polydispersity index (PDI) of 13.0. The
molar composition of the PGS prepolymer was approximately
1 : 1 glycerol/sebacic acid, as confirmed by 1 H NMR analysis
(proton peaks of –COCH2 CH2 CH2 – shown at 1.2, 1.5, and
2.2 ppm and proton peaks of –CH2 CH shown at 3.1, 4.2,
and 5.2 ppm, data not shown). In addition, we observed
FT-IR peaks at 1800–1600 cm−1 (C=O), 3500–3200 cm−1 (–
OH), and 1375 cm−1 (–CH) (data not shown), which confirms
the existence of ester groups formed through polycondensation.
Such partly cross-linked PGS prepolymer (viscous liquid
phase) can be solved in polar organic solvent owing to the
remained –OH groups in PGS and applied for stent coating
material. But fully cross-linked PGS polymer after postcuring

4
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Figure 3: Stress-strain curves of PGS after postcuring for additional
48 h at 100∘ C.

0
EtOH

Figure 4: The solvent-dependent swelling behaviors of PGS.

could not dissolve in any kinds of organic solvent and shows
elastic behaviors.

3.3. Contact Angle Measurements. Interfacial characteristics
of coating polymers are significantly important for films,
coating, printing, and adhesives. Water-in-air contact angle
of coated PGS surface is about 60∘ (that of PCL is 120∘ [9]),
and such hydrophilicity of PGS is related to the remained
–OH groups after postcuring as shown in Figure 2. This

100
90
Remaining mass (%)

3.2. Mechanical Tests and Swelling Ratio. Tensile test results
of thin strips of fully cross-linked PGS through supplemental
cross-linking process revealed a stress-strain curve characteristic originating from elastomeric and tough materials
(Figure 3). Permanent deformation was not observed during
the tensile tests. Young’s modulus and elongation at break of
the PGS were 0.122 ± 0.0003 MPa and 237.8 ± 0.64% (those of
PCL were 225 ± 11 MPa and 93 ± 9% in membrane type [23]).
In another report, Young’s modulus of PGS:PCL blended
membrane is also increased according to the increase of PCL
ratio in composite [11]. These data meant that PGS showed
more elastic behavior than that of PCL, and the PGS could
be elongated repeatedly to several times its original length
without rupture. The ultimate tensile strength is greater than
0.3 MPa. The value of Young’s modulus of PGS is located
between that of ligaments (in KPa range) and tendons (in GPa
range), and the strain to failure of PGS is similar to that of
arteries and veins (over 260% elongation).
Also, the cross-linking density (𝑛) and relative molecular mass between cross-links ((𝑀𝑤 )𝑐 ) were calculated
using the density and Young’s modulus of the samples as
previously described (see (1)). The cross-linking density was
16.4 mol/m3 , and the relative molecular mass between crosslinks was about 58,000 g/mol.
The degree of swelling of the elastomeric networks in
ethanol was about 85% (Figure 4). However, the degree of
swelling of PGS in deionized water and PBS was about 5%.
Therefore, the synthesized polymer should not excessively
swell in in vivo conditions.

H2 O

PBS

80
70
60
50
0

2

4

6

8

10

Time (days)
Enzyme
NaOH
PBS

Figure 5: Degradation studies of PGS in solvents (: PBS, e: 0.1 mM
NaOH, ◼: enzyme solution) at 37∘ C.

is greatly related to the formation of H bonding between
PGS and metal and also affected the adhesion property of
PGS on metal stent. In addition, we calculated the surface
energy using (3) of the three-component system for the
surface tension method with dodecane (a nonpolar solvent),
1,1,2,2-tetrabromoethane (a polar solvent), and glycerin (a
hydrogen-bonding solvent). The surface energy of the PGS
polymer was 63.13 dyne/cm. This value is relatively high
compared to those of polytetrafluoroethylene (19.1 dyne/cm)
and polyethylene (33.1 dyne/cm).
3.4. In Vitro Degradation Studies. We examined the degradation characteristics of PGS under in vitro conditions
(Figure 5). Agitation for nine days in NaOH solution at 37∘ C
caused the polymer to degrade by 30%, as measured by
change of a dry sample. In enzyme degradation, the PGS
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(a)

(b)

Figure 6: Surface morphology observation of PGS-coated stent by SEM: (a) an uncoated nitinol stent and (b) a PGS-coated stent under the
electrospinning conditions of 10 wt% PGS solution in acetone and ethanol mixture (3 : 7 in volume ratio) at 0.6 mL/h flow rate.

polymer was degraded by 25% over nine days in esterase
solutions, while it degraded by 10% in PBS solutions.
3.5. Electrospray Coating on a Nitinol Stent. The surface
morphologies of bare and coated stents were observed using
SEM (Figure 6). Compared to bare stents, coated stents
had smoother surfaces. Also, we observed the concentration
effects of the coating materials on the resulting surface
morphologies and thickness.
From the microscopic images of cross-sectional area of
stent strut as shown in Figure 7, PGS polymer was well
coated over the whole area of strut through electrospray
method in spite of concentration difference of PGS solutions.
When a 1 mL of PGS concentration (1 wt%) was sprayed,
the surface was rough and the thickness of the polymer
coating was about 1.4 𝜇m. However, the coated stent with
same volume of a PGS concentration (10 wt%) showed a
smooth surface and a thickness of about 6.0 𝜇m, likely caused
by solvent evaporation during the electrospray coating. In
high concentration polymer solutions, the solvent evaporates
much less than in low concentration solutions, leaving thick
and smooth surfaces. In addition, the coating thickness can
be adjusted simply using the law of conservation of mass.

This shows that the polymeric droplets were continuously
deposited on the polymer film during the electrospraying.
Thus, the surface morphologies and thickness can be controlled by changing the concentration and amount of polymer
solution.

4. Conclusion
In this study, we synthesized biocompatible and elastomeric
biomaterials (PGS, poly (glycerol sebacate)) through condensation polymerization. These polymers exhibit tunable
mechanical properties and considerable flexibility. We also
studied the degradation characteristics of the PGS polymers. For application to biomedical implants, we examined an electrospray coating of PGS on metal stents. By
examining the solution parameters, we confirmed that the
surface morphology of the coated film is related to the
PGS solution concentration, and the thickness of the film
is linearly proportional to the volume and concentration.
It is expected that drug-eluting stents coated with a drug
and PGS polymers can be applied practically in clinical
applications.
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Figure 7: Cross-sectional SEM images of PGS coated on stent struts with volume differences: 1 mL of 1 wt% PGS solution (a) and 10 wt% PGS
solution (b) in acetone and ethanol mixture (3 : 7 in volume ratio).
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Reduction-triggered breakable polymeric micelles incorporated with MTX were prepared using amphiphilic PAA-g-PEG
copolymers having S–S bonds in the backbone. The micelles were spherical with diameters less than 70 nm. The micelles could
encapsulate the hydrophobic MTX in the hydrophobic core. The drug loading content and drug loading efficiency of the micelles
were highly dependent on the copolymer chemical structure, ranging from 2.9 to 7.5% and 31.9 to 82.5%, respectively. Both the
drug loading content and drug loading efficiency increased along with more hydrophobic segments in the copolymers. In normal
circumstance, these micelles were capable of keeping stable and hold most of the MTX in the core, stabilizing the incorporated MTX
through the 𝜋-𝜋 stacking with the phenyl groups in the backbone of the copolymers. In reductive environments that mimicked the
intracellular compartments, the entire MTX payload could be quickly released due to the reduction-triggered breakage of the
micelles. These micelles showed good antiproliferative activity against several cancer cell lines, including KB, 4T-1 and HepG2,
especially within the low drug concentration scope.

1. Introduction
Chemotherapy is one of the major approaches for cancer
treatment. Methotrexate (MTX) is a folate antimetabolite
that blocks the synthesis pathway of DNA by inhabiting the
activity of dihydrofolate reductase (DHFR) [1, 2]. It shows a
greater toxic effect on rapidly dividing cancerous cells, which
replicate their DNA much faster, than on normal cells. Thus,
it is widely used in treatment of a number of human cancers
[3]. However, the therapeutic effect of MTX is hindered by its
toxic dose-related side effects, as well as the drug resistance
by target cells. These drawbacks of MTX are closely related to
its poor water-solubility and very short circulation half-life,
which results in an essentially uniform tissue distribution [4].
Therefore, there is an urgent demand for formulations that are
capable of efficiently enhancing drug targeting and reducing
side effects [5].
In the past decades, many studies have demonstrated
that nanoscaled drug delivery systems could encapsulate

cytotoxic and poorly water soluble drugs for improving
pharmacokinetic behavior, reducing toxicity, overcoming
drug-resistance mechanisms, and enhancing tumor targeting
through the enhanced permeation and retention (EPR) effect
[6–8]. Polymeric micelles, formed from hydrophobic inner
core and hydrophilic outer shell, have been demonstrated by
many investigators to have potential usefulness in the process
of tumor targeting drug delivery through intravenous injection [9–11]. The hydrophobic core functions as a nanoreservoir of hydrophobic drugs, whereas the hydrophilic outer
shell improves solubility of hydrophobic drugs, provides a
defense layer against attack of the reticuloendothelial system
(RES), increases preservation of bioactive agents within the
micellar core for long blood circulation, enhances targeting
performance against tumor, and lessens the adverse effects of
anticancer drugs [12, 13].
Advances in MTX delivery have been made by incorporating MTX with various nanoparticulate carrier systems,
such as polymer-based particles [14], dendrimers [15–17],
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liposomes [18], micelles [19, 20], and inorganic nanoparticles
[21]. In these rationally designed delivery carriers, intracellular translocation across the plasma membrane could
be critical, because the nanoparticulate carriers generally
show low cellular membrane permeability and enter the cell
mainly through the endocytotic pathway with the formation
of endosome [22]. It was reported that anticancer drugs
delivered by nanoparticles were trapped in the endocytic
vesicles, suggesting quite slow intracellular drug release due
to the intracellular barriers of cellular organelle membrane
[23–27].
Because the physicochemical properties and biological
functions of tumor are different from that of normal tissues,
drug carriers could be designed to release the loaded drugs
after reaching the cancer cells by introducing sensitive functional groups in response to certain stimuli of the cancer
cells [28]. Higher concentration of reductive glutathione
(GSH) inside the tumor cells over normal cells provides a
reducing intracellular environment as the inbuilt mechanism
for release of anticancer drugs [29]. Therefore, controlling
the release of anticancer drugs from polymeric micelles
using reduction-sensitivity as a trigger to enhance tumorkilling efficacy and to minimize harmful side effects has been
considered a promising way for intracellular drug delivery.
Many researchers demonstrated that polymeric micelles,
polymersomes, and nanogels containing S–S linkage prevented the premature release of loaded cargos in extracellular
media but quickly released the DNA, siRNA, or drug cargoes
inside the cells or under a reductive condition mimicking that
of the intracellular compartments [30–34].
In our previous research [35, 36], amphiphilic reductiontriggered breakable micelles from polyamide amine-gpolyethyleneglycol (PAA-g-PEG) were developed to encapsulate the anticancer drug doxorubicin (DOX). In these
micelles, phenyl groups were interspersed in the hydrophobic
segment to interact with the aromatic structure of DOX
through the 𝜋-𝜋 stacking, thus increasing the stability and
drug loading ability. On the other hand, the hydrophilic segment of polyethyleneglycol (PEG) was oriented on the surface
of the micelles, which determined the high biocompatibility
of the micelles. In this work, 6 kinds of the PAA-g-PEG
micelles with different hydrophobic/hydrophilic ratio were
investigated as nanocarrier for MTX. MTX was encapsulated
in PAA-g-PEG micelles using solvent dispersion/dialysis process. The size and morphology of drug-loaded micelles were
characterized by DLS and TEM. Drug loading content, drug
loading efficiency, and drug release behavior under reductive
condition were studied using ultraviolet spectroscopy. The
antiproliferative activity of MTX-incorporated micelles was
measured against different tumor cells in comparison with
those of free MTX.

2. Materials and Methods
2.1. Materials. Acryloyl chloride, phenethylamine, and ethanolamine were purchased from Sigma-Aldrich. Cystamine
dihydrochloride, N,N -dicyclohexyl carbodiimide (DCC),
dimethylamine pyridine (DMAP), triethylamine (TEA),
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and succinic anhydride were purchased from Asta Tech
Pharmaceutical Co., Ltd. (Chengdu, China). Polyethyleneglycol monomethyl ether (MPEG, Mn 2000 and 5000)
were obtained from Fluka and were dried by azeotropic
distillation from dry toluene immediately before used.
Methotrexate (MTX) was purchased from Aladdin Reagent
Inc. (Shanghai, China). All other agents are of analytical
grade. The chemicals were used as-received unless otherwise
addressed.
2.2. Synthesis of the Reduction-Degradable PAA-g-PEG
Copolymers. Preparation of reduction-degradable PAA-gPEG copolymers was performed by the method reported
previously [35]. Briefly, cystamine bisacrylamide was
synthesized by reacting acryloyl chloride with cystamine
dihydrochloride in dichloromethane/water. Then, the freshly
obtained cystamine bisacrylamide (1.044 g, 4 mmol) was
reacted with a mixture of phenethylamine and ethanolamine
(total 4 mmol, mol ratio: phenethylamine/ethanolamine =
8/2, 7/3, and 6/4, resp.) at 125∘ C under Ar atmosphere
to acquire PAA containing disulfide linkage. Finally,
as an example, amphiphilic PAA-g-PEG (PAA(8:2)PEG2000) copolymers were obtained by coupling 𝛼carboxy-𝜔-methoxy polyethyleneglycol (MPEGCOOH,
1.05 g, Mn = 2000, 0.5 mmol of carboxyl) on PAA (0.74 g,
phenethylamine/ethanolamine = 8/2, 0.4 mmol of hydroxyl
group) using DCC (0.124 g, 0.7 mmol) as coupling agent
and DMAP (0.061 g, 0.05 mmol) as catalyst in dry DMSO
at room temperature. Following this way, six kinds of
amphipathic reduction-degradable PAA-g-PEG copolymers
were prepared. The structure and molecule weight of the
copolymers were characterized by 1H NMR (VarianUNITY
INOVA400) and FT-IR (Perkin Elmer FT-IR spectrometer
Frontier).
2.3. Fabrication and Characterization of Micelles with/without
Drug. A DMSO (10 mL) solution of PAA-g-PEG graft
copolymer (10 mg) was dropped into deionized water under
vigorous ultrasonic agitation using a Type 60 Sonic Dismembrator (Fisher Scientific). The mixture was then dialyzed
(Spectra/Por MWCO 8000–14000) against deionized water
for 48 h to obtain the PAA-g-PEG micelle. For preparing
MTX-incorporated micelle, PAA-g-PEG copolymer (10 mg)
and MTX (1 mg) were dissolved in DMSO (5 mL) in a glass
vial. The solution was then added dropwise to pure water
(10 mL) under vigorous ultrasonic agitation. The resulting
mixture was dialyzed against 1000 mL of deionized water
for 24 h. The thus obtained micelle suspension was filtered
through a 0.45 𝜇m membrane filter (Millipore) to remove the
MTX aggregates. Subsequently, the mixture was ultrafiltered
through a Millipore Centrifugal Filter Device (MWCO:
10,000) at 3500 r/min until the intraluminal fluid reached
3 mL to further remove unpacked free MTX and DMSO and
concentrate the MTX-incorporated micelles suspension. The
suspension was collected and freeze-dried to obtain MTXincorporated micelles. The whole procedure was performed
in dark.
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Mean micelle diameters were measured on dynamic light
scattering (DLS, Malvern Nano-ZS) using the micelle suspension (0.5 mg/mL) after filtered through a Durapore 0.22 𝜇m
membrane (Millipore). The morphology of the micelles was
analyzed using transmission electronic microscopy (TEM,
Hitachi H-600). The micelle suspension sample (0.1 wt%) was
dropped on a carbon-coated copper grid, followed by drying
in air, and negatively staining with 3 wt% ammonium molybdate aqueous solution before observation. MTX dispersion in
the micelles was analyzed by X-ray diffraction (XRD, Tongda
TD-3500 diffractometer, Dandong, China) scanning from
5 to 40∘ with 0.06∘ /sec. The critical micelle concentration
(CMC) was determined by fluorescence spectrophotometer (F-7000 fluorescence spectrophotometer, PerkinElmer)
using pyrene as the fluorescence probe [35]. The drug
loading content (DLC) and drug loading efficiency (DLE)
was determined by ultraviolet spectroscopy measurement
(PerkinElmer Lambda 650 S, excitation at 303 nm [37]) in
DMSO using calibration curve obtained from MTX/DMSO
solutions with different MTX concentrations and calculated
as follows:
DLC (wt%) = [
DLE (%) = [

weight of loaded drug
] × 100%,
weight of drug loaded micelle
weight of loaded drug
] × 100%.
weight of drug in feed
(1)

2.4. In Vitro Drug Release Behaviors. In vitro drug release
behavior of MTX-incorporated micelles was studied by a dialyzing method. Briefly, the suspensions of MTX-incorporated
micelles in 2 mL of PBS buffer (10 mM, pH = 7.4) were
dialyzed against 30 mL of PBS buffer (MWCO 8000–14,000)
without DTT or containing 10 mM DTT to imitate the
reducing environment. After predefined time intervals, 10 mL
dialysate was replaced by equivalent fresh buffer. The amount
of released MTX was calculated based on the absorbance
intensity at 303 nm [37] using ultraviolet spectroscopy measurement using calibration curve obtained from MTX/PBS
solutions with different MTX concentrations. Each batch
sample was measured in triplicate.
2.5. Biocompatibility of PAA-g-PEG Micelles. Biocompatibility of the polymeric micelles was evaluated by coculturing
the micelle suspensions with L929, HepG2, 4T1, and KB
cells in 96-well plates (100 𝜇L, 4 × 103 cells/well). The cells
were preincubated for 24 h in DMEM (L929 and HepG2)
or RPMI 1640 (4T1 and KB) supplemented with 10% fetal
bovine serum, 1% benzylpenicillin/streptomycin at 37∘ C in a
humidified atmosphere with 5% CO2 . Then the culture media
were replaced by corresponding medium (200 𝜇L) containing
different concentration (0, 10, 40, 100, and 250 𝜇g/mL) of
polymeric micelles. After incubated for another 48 h, the cell
viability was determined by MTT assay [35].
2.6. Antiproliferative Activity of MTX-Loaded Micelles against
Cancer Cell Lines. 4T1, KB, and HepG2 cancer cell lines
were seeded on 96-well plates (100 𝜇L, 4 × 103 cells/well)

and incubated for 24 h in DMEM (HepG2) or RPMI 1640
(4T1 and KB) supplemented with 10% fetal bovine serum, 1%
benzylpenicillin/streptomycin at 37∘ C in a humidified atmosphere with 5% CO2 . Then the culture medium was replaced
with 200 uL of preprepared culture medium containing free
MTX or MTX-incorporated micelles at different MTX concentration (0.01, 0.1, 0.5, 1.0, 5.0, 10.0, and 20.0 𝜇g/mL). The
cells were cultured for another 48 h for 4T1 cells and 72 h for
KB and HepG2 cells. Then, the cell viability was measured by
MTT assay as described above.

3. Result and Discussion
3.1. Synthesis of the Reduction-Degradable PAA-g-PEG Copolymers. 6 kinds of reduction-degradable amphiphilic PAAg-PEG copolymers were synthesized according to Scheme 1
as described in previous reports [35, 36]. At first, cystamine
bisacrylamide was synthesized through a classical reaction
involving the N-acylation of cystamine dihydrochloride by
acryloyl chloride in a water/dichloromethane two-phase system. Next, the obtained cystamine bisacrylamide was reacted
with primary amines by way of the Michael addition to form
the polyamide amine (PAA). Finally, PAA-g-PEG copolymers
were obtained by grafting MPEG-COOH onto the hydroxyl
of PAA main chain using DCC as the condensing agent.
A mixture of phenylethylamine and ethanolamine were
adopted as the amine compounds. The use of ethanolamine
introduced hydroxyl into the polymer backbone for the
condensation reaction in the next step. Phenylethylamine
made the polymer backbone hydrophobic. Since interactions among the hydrophobic segments were the driving
force in the formation of micelles, the interaction should
strengthen the stability of micelles. The aromatic structure in phenylethylamine further provided potential benefit
for stabilizing the drug-loaded micelles through the 𝜋-𝜋
stacking interaction with MTX. Changing the proportion
of two amine compounds, three PAA(PAA(8:2), PAA(7:3),
and PAA(6:4)) with different hydrophobic properties were
obtained. These PAA copolymers were grafted with two
kinds of MPEG-COOH (Mn = 2000/5000), respectively, to
form 6 PAA-g-PEG graft copolymers (Table 1). As shown
in Scheme 1, many disulfide (S–S) bonds were equably
distributed throughout the backbone of the copolymers
structure. These S–S bonds that came from cystamine were
stable in normal condition and quickly fractured in reductive
condition. Therefore, the micelles based on these amphiphilic
copolymers were capable of keeping high stability in the
absence of reductive agents, whereas quickly degrading under
the reductive condition.
The final structure of PEG-g-PAA was confirmed by
1
H NMR (Figure 1(a)). The signals at 3.5 ppm (–CH2 CH2 –)
indicated the presence of methylene group of the poly
ethyleneglycol methyl ether methacrylate, and 4.15 ppm
(–CH2 CH2 –O–CH3 ) indicated the presence of methyl group
of the poly ethyleneglycol methyl ether methacrylate. Peak at
7.25 ppm (–C6 H5 –) indicated the presence of benzene of the
phenylethylamine [38]. These 1 H NMR results indicated that
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Scheme 1: Chemical structure of reduction-degradable PAA-g-PEG amphiphilic copolymers and micelles.

Table 1: Synthesis of amphiphilic polyamide amine-g-polyethylene
glycol graft copolymers.
PAA-gMPEG

PAA
Entry

PAA(8:2)-PEG2000
PAA(7:3)-PEG2000
PAA(6:4)-PEG2000
PAA(8:2)-PEG5000
PAA(7:3)-PEG5000
PAA(6:4)-PEG5000
∗

BAC/phenylethylamine/
ethanolamine
Feed ratio Measured ratio∗
9/8/2
9/8/2
9/7/3
9/7/3
9/6/4
9/6/4
9/8/2
9/8/2
9/7/3
9/7/3
9/6/4
9/6/4

Graft
efficiency∗
93%
84%
71%
79%
67%
58%

Calculated from peak areas of respective protons in 1 H NMR.

the structure of the copolymers was in agreement with the
predicted structures as shown in Scheme 1.
In the FT-IR spectrum of PAA (Figure 1(b)-(B)), a new
absorption at about 3010–3100 cm−1 typically for benzene

appeared compared with cystamine bisacrylamide
(Figure 1(b)-(A)). Meanwhile, in Figure 1(b)-(D), the
ester peak at 1720 cm−1 almost completely disappeared,
indicating the decrease of ester proportion in the copolymer
in contrast with that in MPEGCOOH (Figure 1(b)-(C)).
In addition, the PEG-g-PAA conjugate showed the intense
stretching bands at 2863 cm−1 and 1098 cm−1 for PEG block,
and a broad band –OC–NH– at about 3226 cm−1 and 3037,
1450 to 1640 cm−1 . FT-IR spectra results indicated that the
characteristic functional groups of the copolymers were in
agreement with the predicted functional groups.
3.2. Fabrication and Characterization of the Micelles
with/without MTX. MTX-incorporated micelles were fabricated by dialyzing PAA-g-PEG copolymer with MTX.
After the incorporation of MTX, amide bond between 1450
and 1640 cm−1 merged to form a broad peak because of the
C=N double bond in MTX (Figure 1(b)-(E)). The size, size
distributions, and morphology of the micelles were analyzed
by DLS and TEM. The representative DLS profiles and
TEM images for MTX-incorporated micelles of copolymer
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Figure 1: 1 H NMR spectra (a) of PAA(8:2) and PAA(8:2)-g-MPEG2000 and FTIR spectra (b) of cystamine bisacrylamide (A), PAA (b),
MPEGCOOH (C), PAA(8:2)-g-MPEG2000 (D), and MTX-incorporated PAA(8:2)-g-MPEG2000 micelles (E).
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Figure 2: TEM images of PAA(8:2)-g-MPEG2000 micelle, PAA(8:2)-g-MPEG5000 micelle, MTX-incorporated PAA(8:2)-g-MPEG2000
micelle, and MTX-incorporated PAA(8:2)-g-MPEG5000 micelles.

PAA(8:2)-PEG2000 and PAA(8:2)-PEG5000 were shown
in Figure 2, and results for all the 6 kinds of micelles were
summarized in Table 2. Since TEM results were obtained
under the condition of dehydration, which were a little
different from the results obtained from DLS measurement
in the aqueous solution. But these copolymers formed
spherical blank micelles with diameter less than 70 nm.
Generally, nanoparticles smaller than 100 nm were favorable
for extravasation of the nanoparticles into tumors through
EPR effect, because the discontinuous endothelium of tumor
blood vessels form many pores ranging in size from 200 nm
to 2 𝜇m with the average pore size approximately 400 nm on
the vessel walls [39]. The micelles have relatively low CMCs,
which was suitable for encapsulating hydrophobic drugs.

The theoretical drug loading content (DLC) was set at
9.09 wt%. The highest drug loading content and drug loading efficiency (DLE) were obtained in PAA(8:2)-PEG2000
micelles at 7.5% and 82%, respectively. With more hydrophobic segments, the DLC and DLE obviously increased, because
more hydrophobic segments could increase the hydrophobic
interaction of the copolymer hydrophobic segment and
the hydrophobic interaction with the drug. Further, the
introduction of phenyl group in the hydrophobic segment
of the copolymer could provide 𝜋-𝜋 stacking between the
drug and the copolymer, which could further increase the
stability of the micelles. In our previous study, DLC of DOXincorporated micelles with similar structure could reach 20%
[36]. Compared to DOX, due to less aromatic structure
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Table 2: Properties of the reduction-triggered breakable micelles.
Micelle size (nm)a
Without
Drug
drug
loaded

Series

MTX

PAA(8:2)-PEG2000
PAA(7:3)-PEG2000
PAA(6:4)-PEG2000
PAA(8:2)-PEG5000
PAA(7:3)-PEG5000
PAA(6:4)-PEG5000

MTX-mix
PAA(8:2)-g-PEG2000

MTX-incorporated
PAA(8:2)-g-PEG2000

55
37
18
34
38
70

73
56
38
42
61
98

CMC DLC DLE
c
c
(mg/L)b (%) (%)
4.5
20.1
52.3
9.4
27.2
44.0

7.5
6.3
5.5
6.9
5.1
2.9

82.5
69.3
60.5
75.9
56.1
31.9

a

Micelle sizes were measured by DLS.
Measured using pyrene as a fluorescence probe.
c
Measured by fluorescence measurement.
b

PAA(8:2)-g-PEG2000
5

10

15

20

25

30

35

100

40

2𝜃 (deg)

and more amino and carboxyl in MTX, the maximum
DLC for MTX was less than that for DOX. Both DLC and
DLE decreased when increasing the density of PEG. The
reason might be the decrease of the hydrophobic PAA in
the core of the micelles. Considering the micelle size, DLC
and DLE, PAA(8:2)-g-PEG2000 and PAA(8:2)-g-PEG5000
micelles were selected as typical examples for the further
investigation.
X-ray diffraction indicated that MTX dispersed uniformly inside the micelles. Free MTX was a crystalline compound as shown in Figure 3 for its characteristic diffraction
pattern. PAA(8:2)-g-PEG2000 micelles without drug had
two peaks at 2𝜃 values of 19 and 23 in its diffractograms,
probably due to the crystalline nature of the PEG segments.
In the diffractograms of MTX and PAA(8:2)-g-PEG2000
mixture, MTX crystalline peaks at 2𝜃 values of 10 and 27
could be detected. However, in the diffractograms of MTXincorporated PAA(8:2)-g-PEG2000 micelles, nearly no other
peak was found compared with that of the micelles without
drug. The peaks at 2𝜃 values of 19 and 23 did not change after
the drug was incorporated, indicating that the crystalline
structure of PEG layer was not disturbed. These results
revealed that the MTX dispersed at the molecular level within
the hydrophobic core of micelles.
3.3. Reduction-Triggered Drug Release In Vitro. The in vitro
drug release behaviors of PAA-g-PEG micelles were carried
out by dialysis against PBS buffered solution (pH 7.4, 10 mM)
without DTT or containing 10 mM DTT, which was used
as reductant to imitate the reducing environment in cancer
cells. The MTX-release profiles of PAA(8:2)-g-PEG2000 and
PAA(8:2)-g-PEG5000 in the absence and presence of DTT
were shown in Figure 4. For an ideal nanoparticle drug
delivery system, the drug release should be as less as possible
before the nanoparticles arrived at the targeting cancer cells.

80
Cumulative release (%)

Figure 3: XRD diffractograms of MTX, MTX/PAA(8:2)-gPEG2000 mixture, MTX-incorporated PAA(8:2)-g-PEG2000
micelles, and PAA(8:2)-g-PEG2000 micelles.

60
40
20
0

0

2

4

6
8
Time (h)

10

12

PAA(8:2)-g-PEG5000/DTT
PAA(8: 2)-g-PEG5000/no DTT
PAA(8:2)-g-PEG2000/DTT
PAA(8:2)-g-PEG2000/no DTT

Figure 4: In vitro MTX release profiles of MTX-incorporated
PAA(8:2)-g-PEG2000 and PAA(8:2)-g-PEG5000 micelles in PBS
buffer solution (pH 7.4, 10 mM) at 37∘ C without DTT or containing
10 mM DTT.

However, small amount of drugs were unavoidably released
in the neutral pH without the addition of reductive agent,
which mimetic the physiological condition during the transfer process of micelles to the cancer cells. In the pH 7.4 PBS
buffer solution without the existence of DTT, small amount of
drug (about 10%) was released within the first 2 h. Thereafter,
no tendency of further release was observed until 12 h. In a
research of doxorubicin (DOX) encapsulated PEG-SS-PCL
micelles, Zhong and coworkers reported that less than 20%
of drug was released at neutral pH in 24 h [40]. The similar
phenomenon was found in our prior reported work about
DOX encapsulated PEG-g-PAA micelles [35]. Since MTX
was an aromatic compound that was almost water insoluble,
its hydrophobic nature and aromatic structure benefited its
tight incorporation with the hydrophobic segment of the
polymeric micelles and 𝜋-𝜋 stacking with the phenyl of PAA
in the micelle core. Therefore, the initial fast release within
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3.4. Antiproliferative Activity of MTX-Incorporated Micelles on
Cancer Cell Lines. The cytotoxicity of PEG-g-PAA micelles
(without incorporation of MTX) was evaluated by coculturing different concentration of PAA(8:2)-g-PEG2000 micelles
with L929 normal cells and HepG2, KB, 4T1 cancer cells.
As shown in Figure 5, at low concentration (10 𝜇g/mL), all
the cells proliferated well, with exceeded 100% cell viability
compared with the control group which was cultured without
the addition of micelles. Increasing the micelle concentration
resulted in little decrease of the cell viability. But the cells

120
Cell viability (%)

2 h was ascribed to small amount of drugs adhered on micelle
PEG shell. After these loosely adhered drugs were washed off,
the tightly encapsulated MTX in the micelle core was hardly
released in PBS buffer without reductant. This property was
in favor of keeping most of the drug in the micelles and
delivering to the tumor site.
Remarkably, the PAA-g-PEG micelles released MTX
rapidly in the presence of 10 mM DTT, a reductive environment analogous to that of the intracellular compartments
such as cytosol in the cancer cells. As it can be found in
Figure 4, there was a relatively faster release at the first 1
hour. Then, the accumulative release of MTX raised gradually
to near 100% in 12 h. Obviously, the acceleration of MTX
release in the present of DTT was resulted from the breakage
of the micelle core due to the reduction-triggered cleavage
of S–S bonds of the copolymer backbone [38]. It implied
that the hydrophobic MTX was mainly entrapped in the
hydrophobic cores of the micelles. As described above, the
S–S bonds in the copolymer structure could be quickly
reductively cleaved. Since the cleavage of the S–S bond
in the hydrophobic segment would result in the lack of
enough hydrophobic interaction of the core, the micelles
could subsequently disassemble. The MTX incorporated in
the core of the micelles then released along with the breakage
of the micelle carriers.
This reduction-triggered breakage of micelles provided
a useful releasing mechanism in cancer therapy in reducing
side effect and enhancing tumor targeting. Because most
MTX was incorporated in micelles core, the PEG shells
might serve as a protective biological layer to improve micelle
stability at normal physiological conditions (pH 7.4, without
reductant) in preventing protein adsorption, elongating the
circulation half-life in the blood stream, thus increasing the
probability for tumor targeting through EPR effect. Once the
micelles reached the tumor site, they might be internalized by
cancer cells. The reductive intracellular environment might
quickly break the S–S bond, resulting in the breakage of
micelles and the fast release of the drug. This could be crucial
for realizing the full therapeutic effect of MTX. Because
the micelles were generally internalized by cells through the
endocytotic pathway, MTX delivered by these nanoparticulate carriers were restricted within the endosome or lysosome
[41–43]. The quick release of the MTX from the carriers thus
provided the possibility for efficient endosome escape and
enhanced its therapeutic effect. Therefore, this reductionsensitive micelle might provide a promising approach for
tumor targeting delivery of MTX.
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Figure 5: Biocompatibility assay of PAA(8:2)-g-PEG2000 micelles
against L929, KB, HepG2, and 4T1 cells after incubation for 2 days.
The standard deviation for each data point was averaged over five
samples (𝑛 = 5).

still proliferated well. Even at very high micelle concentration
(250 𝜇g/mL), all the cell viability could keep higher than
90%. These results indicated that the micelles did not show
cytotoxicity against L929 normal cells and HepG2, KB, 4T1
cancer cells. Therefore, the copolymers were considered to
have good biocompatibility.
The antiproliferative activities of the MTX-incorporated
micelles on different cancer cell lines were evaluated by
examining the cell viability using MTT assay after being
cocultured with MTX-incorporated micelles or free MTX. In
order to investigate the effects of micelles on different tumor
cells, 4T1, KB, and HepG2 cancer cell lines were chosen for
the cellular growth inhibition test. Because the life cycle of
4T1 cell is different from that of KB and HepG2 cancer cells,
studies on HepG2 and KB cancer cells were over 72 h and on
4T1 cancer cell was over 48 h. The final MTX concentrations
in the culture medium were adjusted varying from 0.01 to
20 𝜇g/mL, and the results of MTT assay were shown in
Figure 6. Both MTX-incorporated micelles and free MTX
were observed dose-dependent antiproliferative activities
against the three cancer cell lines. Since the MTX was a
cytotoxic anticancer drug, these antiproliferative activities
obviously came from the cytotoxicity of MTX, because the
micelles without the incorporation of MTX did not affect
the growth of cells. The MTX-incorporated micelles and
free MTX showed similar inhabitation effect on these cancer
cells, with a little slightly higher cytotoxicity of the PAA(8:2)g-PEG2000 MTX-incorporated micelles than that of MTX
itself, and a little slightly lower cytotoxicity of the PAA(8:2)g-PEG5000 MTX-incorporated micelles.
Interestingly, at low MTX concentration (<0.1 𝜇g/mL),
drug-loaded PAA(8:2)-g-PEG2000 micelles showed obviously stronger effect on killing cancer cells than pure MTX.
But, with the increase of MTX concentration, the cytotoxicity
of both the MTX-incorporated micelles and free MTX
became nearly the same. The reason of these results might
be due to the fact that, in the case of low MTX concentration, the internalization by the cancer cells of free MTX
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Figure 6: Antiproliferative activity of MTX-incorporated PAA(8:2)-g-PEG2000 micelles, PAA(8:2)-g-PEG5000 micelles, and free MTX on
4T1 after incubation for 2 days and KB and HepG2 cells after incubation for 3 days. The standard deviation for each data point was averaged
over five samples (𝑛 = 5).
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through diffusion mechanism might not be efficient because
of the lack of driving force; namely, the difference of MTX
concentration with intracellular and extracellular was low.
When the MTX-incorporated PAA(8:2)-g-PEG2000 micelles
were applied on cancer cells, the increase of concentration of
the total formulation might enhance the intracellular uptake
of MTX and improve proliferation inhibition efficiency at
low MTX concentration. In contrast, for the PAA(8:2)-gPEG5000 micelles, since MPEG was exposed on the micelle
surface in aqueous solution, the thick hydrophilic PEG layer
might delay the uptake of micelles into the cells and more
micelles might remain in the media. This fact might be one
of the reasons for the slightly lower cytotoxicity of PAA(8:2)g-PEG5000 MTX-incorporated micelles [44].
When the MTX concentration exceeded 0.5 𝜇g/mL, the
cytotoxicity of both micelles and the free MTX became
very close, indicating that the MTX-incorporated micelles
possessed comparable antiproliferative activities. It is a common phenomenon that the anticancer drugs delivery by
nanoparticulate systems showed lower cytotoxicity than the
drugs themselves, due to the entrapment of the nanoparticles
within the endosome or lysosome and the delayed liberation of drugs from the carriers. Therefore, many stimulisensitive carrier systems were investigated to improving the
delivery performance by accelerating the drug release after
the carriers reached the cancer cells. The reduction-triggered
breakable micelles in this present research could enter the
cells through an endocytic mechanism, release the drug
quickly inside the cells, and deliver the drug to the acting
site in cytosol or inside membrane-bound cellular organelles.
Therefore, these MTX-incorporated micelles that were able
to realize rapid intracellular drug release might provide an
effective tool for promoting the growth inhibition effect on
cancer cells, especially within the low drug concentration
scope.

4. Conclusion
Reduction-triggered breakable polymeric micelles incorporated with MTX were prepared using reductively breakable
amphiphilic PAA-g-PEG copolymers. The micelles are spherical with diameters less than 70 nm. The shell-core structure
of the micelles provided the properties to encapsulate the
hydrophobic anticancer drug MTX in the hydrophobic core
with DLC ranging from 2.9 to 7.5% and DLE 31.9 to 82.5%,
which were highly dependent on the copolymer chemical
structure. These micelles were capable of keeping stable and
hold most MTX in the core in normal circumstance, whereas,
in reductive environments that mimicked the intracellular
compartments in the cancer cells, the entire drug payloads
could be quickly released due to the reduction-triggered
breakage of the micelles. Their antiproliferative activities
on cancer cells were similar or slightly higher comparing
with free MTX, especially within the low drug concentration
scope.
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The present study investigated the potential of a novel micropatterned substrate for neocartilage formation. Articular chondrocytes
were cultured on poly(𝜀-caprolactone) materials whose surfaces were either flat or honeycomb-patterned. The latter was prepared
using a novel self-organization technique, while the former, was prepared by spin-coating. The chondrocytes attached and
proliferated on both surfaces. On the honeycomb films, chondrocytes were found at the top surface and encased within the
10 𝜇m pores. Meanwhile, chondrocytes on the spin-coated surface flattened out. Accumulation of DNA and keratin sulphate was
comparatively higher on the honeycomb films within the first 7 days. At their respective peaks, DNA concentration increased on
the honeycomb and flat surfaces by approximately 210% and 400% of their day 1 values, respectively. However, cultures on the flat
surface took longer to peak. Extracellular Matrix (ECM) concentrations peaked at 900% and 320% increases for the honeycomb
and flat cultures. Type II collagen was upregulated on the honeycomb and flat surfaces by as much as 28% and 25% of their day 1
values, while aggrecan was downregulated with time, by 3.4% and 7.4%. These initial results demonstrate the potential usefulness
of honeycomb-based scaffolds during early cultures neocartilage and soft tissue engineering.

1. Introduction
A topical approach to addressing diseased or damaged joint
tissues combines cells, often autologous, with either biological
or artificial scaffold [1]. The scaffolds function as carriers of
the cells [2–5], retaining them at the defect site. In addition
to giving structural support and some mechanical integrity,
the scaffolds are required to encourage the cells to multiply
and produce new ECM. Therefore, the cells must interact with

the scaffold, usually by attaching, multiplying, and possibly
forming neotissue. In the case of articular cartilage, the cellmaterial interactions are complicated by the necessity to
maintain their rounded morphology [6]. Failure to achieve
this may result in their dedifferentiation, changing their
pattern of gene expression from chondrocyte-specific to
one resembling fibroblastic or chondroprogenitor-like cells.
These are associated with the production of type I collagen
and nonaggregating glycosaminoglycan (GAG) [7–9]. This
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morphology and, indeed, the phenotype are successfully
maintained by seeding the cells within hydrogels such as
agarose and alginate [10, 11]. However, the pore sizes inside
these hydrogels may be as little as 2–500 nm for alginate, and
up to 500 nm for agarose, depending on their concentrations
[12, 13]. In both cases, this results in nutrient deprivation
and death of cells at the centre of constructs, thicker than
1 mm [14]. Therefore, there is an ongoing search for ideal
scaffold materials, which support chondrocyte proliferation,
allow sufficient transport of oxygen and nutrients to cells
at all regions and efficient waste removal, maintain their
phenotypic functions, and degrade at a rate synchronised
with neotissue formation. On this topic, we have reported that
honeycomb-patterned porous polymer films (honeycomb
films) can be prepared by casting polymers, dissolved in
a water-immiscible solvent under high humidity [15, 16].
This technology was adapted for biological applications.
Specifically, the morphology and hence the functionality of
hepatocytes [17, 18], cardiac myocytes [19], neural progenitor
cells [20, 21], and endothelial cells [22] were all manipulated
by altering the size and shape of the micropores of the honeycomb films. More recently, bone formation has been found
to be enhanced on honeycombed surfaces [23], as well as
sustaining the adiponectin secretion by mesenteric-visceral
adipocytes over extended culture periods [24]. Chondrocytes
have been cultured on several micropatterned surfaces, for an
enhanced proliferation compared with nonpatterned surfaces
of the same materials [25, 26]. However, maintaining the
chondrocytes phenotypes on such surfaces is still a challenge.
In the present study, we observe the behaviour of articular
chondrocytes on honeycomb-patterned films. The purposely
designed surfaces had highly regular pores, interconnected
and 10 𝜇m in diameter. The attachment and changes to
their morphology over time were monitored. In addition,
the organisation of their cytoskeleton on the honeycomb
films was visualised. Their survival and proliferation on
the honeycomb films were compared with those on flat
nonpatterned substrate derived from the same polymeric
materials. Additionally, the accumulation of ECM proteins on
the two surfaces was quantified. Finally, we assess the ability
of the honeycomb films to maintain the cells phenotype over
a prolonged culture period.

2. Materials and Methods
2.1. Film Preparation. Honeycomb (HC) films were prepared from biodegradable polymers poly(𝜀-caprolactone)
(PCL; MW = 70, 000–100,000) and a copolymer of Ndodecylacrylamide and 𝜔-carboxyethyl acrylamide (Cap;
MW = 22, 000). Cap served as an emulsifier as described
in a previous study [15]. Briefly, PCL and Cap (10 : 1 wt%)
were dissolved in chloroform at a concentration of 5 g/L.
The polymer solution was poured into a round glass dish
(9.3 cm in diameter), containing polyethylene terephthalate
(PET) discs. The discs, which were 14 mm in diameter, were
completely immersed in the polymer solution, while humid
air (23% ± 2%) was blown on their surface, at 1.0 L/min. This
resulted in films with a 10 𝜇m pore diameter. Alternatively,
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0.5 mL of the polymer solution was transferred unto the PET
discs dropwise using a pipette. The discs, with the polymer
layer, were spun at 1000 rpm for 30 seconds using a spin
coater (1H-7D, Mikasa). The resulting specimens contained
a flat geometry and hence were termed as flat films. These
were used as the control groups in comparative studies. Prior
to cell culture, both groups of films were immersed in 1propanol for 12 min to remove the Cap on the surface of
the honeycomb films and subsequently sterilised by washing
3 times in pure ethanol and 3 times in sterile, deionised
water. This washing procedure was followed by 2-3 hours of
exposure to ultraviolet light.
2.2. Cell Isolation and Culture. Articular chondrocytes were
obtained from 8–10-week Japanese white rabbits. The rabbits,
purchased from a local abattoir, were sacrificed using 10 mL
injection of 2.5 g/100 mL of Phenobarbiturate (Dainippon,
Sumitomo Pharma, Japan). Slices of full thickness cartilage
were removed from the rabbits articulating joints, namely, the
humeral and femoral heads, and the femoral condyles, using a
sterile scalpel, immediately after sacrifice. The explants were
kept immersed in a Petri dish containing PBS (Takara Bio,
Tokyo, Japan) to maintain hydration. Once all the explants
had been removed, the EBSS was aspirated, and the cartilage
explants were finely diced using a sterile scalpel. The diced
explants were transferred into a 50 mL conical tube, to which
50 𝜇g trypsin dissolved in 10 mL of DMEM supplemented
with 10% FCS (Thermo Trace, Australia) solution was added.
The falcon tube, containing the explants in trypsin, was
incubated in a shaking water-bath at 37∘ C for 30 minutes.
After this time, the trypsin was aspirated and replaced with a
solution containing 50 𝜇g of collagenase, dissolved in 50 mL
of DMEM (10% FCS). These were incubated in the waterbath at 37∘ C for 5 hours. The resulting suspension was filtered
through a 70 𝜇m sterile cell sieve (BD Biosciences, MA, USA)
and centrifuged at 720 g for 5 minutes. The supernatant was
aspirated and the cells were washed with DMEM (Invitrogen,
Tokyo, Japan) supplemented with 10% FCS (Thermo Trace,
Australia) three times. Following this, the cells were expanded
in monolayer, by incubation in DMEM, supplemented with
10% FBS at 37∘ C and 5% CO2 for 7 days. The cells were
subsequently trypsinised and washed 3 times in serumsupplemented DMEM. After the third wash, the cells were
resuspended in 10 mL of DMEM supplemented with 10% FBS
(Thermo Trace, Australia) and loaded onto either the flat or
honeycomb-patterned films at a concentration of 10 × 104
cells per disc.
The cell-seeded PCL films were transferred to individual
wells of 24-well plates (IWAKI, Tokyo, Japan) and cultured in
DMEM (supplemented with 10% FCS) for up to 14 days, while
samples were obtained at 1, 3, and 7 days.
2.3. Scanning Electron Microscopy. Following their culture,
samples were dehydrated at 6, 24, and 72 hours by washing
in increasing concentrations of ethanol and subsequently
dried using a critical point dryer (HCP-2, Hitachi). The dried
samples were mounted on aluminium stages, with a doublesided adhesive tape, and coated with a 5 nm layer of palladium
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Table 1: List of primers used in real-time PCR.

Primer ID
Collagen II-F
Collagen II-R
Aggrecan-F
Aggrecan-R
Collagen I-F
Collagen I-R
GAPDH-F
GAPDH-R

Primers (5 -3 )
GAC CATC AAT GGC GGC TTC
CAC GCT GTT CTT GCA GTG GTAG
GCT ACG ACG CCA TCT GCT AC
GTC TGG ACC GTG ATG TCC TC
GTT CTC AGG GTA GCC AAG GTC
AGT CTC CAT CAT AAC CAA AGT CGT A
CCC TCA ATG ACC ACT TTG TGA A
AGG CCA TGT GGA CCA TGAG

gold, using an ion sputter coater (E-1030, Hitachi). These
samples were observed using a scanning electron microscope
(SEM; S-3500N, Hitachi).
2.4. Cytoskeletal Staining and Confocal Laser Scanning
Microscopy. Alternatively, samples were transferred to separate multiwell plates. These were then fixed with 3.7% (v/v)
formaldehyde for 10 minutes at room temperature and then
washed 3 times with PBS. The samples were permeabilised for
15 min with 0.1% Triton X-100 (MP Biomedicals, Eschwege,
Germany) and 1.0% bovine serum albumin (Sigma) in PBS.
After rinsing twice with PBS, the cells were stained by
incubating for 60 minutes with 0.03% (v/v) rhodaminephalloidin (Molecular Probes, Eugene, OR) in PBS and 6.7%
(v/v) of 4 ,6-diamidino-2-phenylindole (Dapi; Molecular
Probes, Carlsbad, CA) at room temperature. The stained
cells were then rinsed and analyzed using the confocal laser
scanning microscope (FV-300, Olympus, Tokyo, Japan). The
cell nucleus was observed at the excitation and emission
wavelengths of 355 nm and 460 nm, respectively, while their
actin fibres were observed at the excitation and emission
wavelengths of 554 nm and 573 nm, respectively.
2.5. DNA. Cultured samples were obtained at predetermined
time points. The cells were lysed by vortexing the individual
discs in a falcon tube containing 1 mL of a lysate solution,
containing 0.5% (v/v) Triton X-100, 150 mM NaCl, and
10 mM HEPES. DNA concentrations within the digested
samples were measured using the Quant-Ti, PicoGreen kit
(Invitrogen, Tokyo Japan). The commercially available assay,
designed to measure double-stranded DNA, was used as
directed by the manufacturer’s instructions. However briefly,
0.5% (v/v) of the PicoGreen solution was dissolved in
the accompanying buffer solution (10 nM Tris-HCL, 1 mM
EDTA, pH 7.5). Standard DNA solutions were prepared
by mixing Lambda double-stranded DNA in the buffer
solution to achieve concentrations of 2000, 200, 20, 2, and
0.2 ng/mL. One hundred microlitres of the standard solutions
and the extracted samples were transferred into separate
wells of a 96-well plate (Costar, NY, USA) using a pipette.
To each well, 100 𝜇L of the PicoGreen solution was added.
Fluorescence emission was measured using a commercially
available fluorimetry apparatus (TECAN, Tokyo, Japan) at the
excitation and emission wavelengths of 485 nm and 535 nm,
respectively.

Expect size (bp)

Accession number

139

D83228.1

94

L38480.1

105

D49399.1

93

L23961.1

2.6. ECM. The samples that were obtained and lysed for DNA
measurements were also analyzed for ECM components
using the commercially available Keratan Sulphate (KS)
[27] ELISA kit (Seikagaku Corporation, Tokyo, Japan). The
immunoassay method, which is based on a sandwich of
enzymes and a monoclonal antibody specific to KS, was
carried out as directed by the manufacturers. However, briefly
standard solutions of KS were prepared by diluting the
80 ng/mL of KS with the provided sample diluent to make
40, 20, 10, 5, and 2.5 ng/mL. The sample diluents functioned
as blank solution (0 ng/mL). The standard solutions and all
reagents and samples were brought to 21 ± 1∘ C prior to
experimentation.
Each well of a 96-well plate (provided) was washed 4
times with 200 𝜇L of the washing solution (provided). Fifty
microlitres of the KS standard solutions (and blank) and
the experimental samples were transferred into individual
wells of the 96-well plate, sealed (with provided cover film),
and incubated for 60 minutes at 37∘ C. The reactants were
removed, and each well was washed 4 times with 200 𝜇L
of the wash solution. Twenty-five microlitres of Horseradish
peroxidase-conjugated streptavidin solution and biotinylated
antibody solution were added and mixed gently inside each
well. This solution was sealed and incubated for 60 minutes
at 37∘ C. After the incubation period, the reaction solution was
removed and each well was washed 4 times with 200 𝜇L of the
washing solution. Fifty microlitres of the substrate solution
(supplied assay kit) was pipetted into each well, sealed, and
incubated in the dark, at 21 ± 1∘ C. After 10 minutes of
incubation, 50 𝜇L of stop solution was added into each well
and mixed gently. The absorbance was measured at 450 nm
using a microplate reader (Bio-Rad, Tokyo, Japan).
2.7. Gene Expression. Total RNA of cultured chondrocytes at
each time point was extracted using TRI reagent (Invitrogen,
Tokyo, Japan) to evaluate the changes in their gene expression
during cell culture. Total RNA was extracted according to the
manufacturer’s instructions. Yield and purity of the extracted
RNA were determined using the spectrophotometer (Smartspec Plus; Bio-Rad, Hercules, CA, USA).
All oligonucleotide primer sets were designed based
upon the published mRNA sequence. The expected amplicon
lengths ranged from 93 bp to 139 bp. Oligonucleotide primers
used in this study are listed in Table 1. Real-time PCR was
performed in Thermal Cycler Dice TP800 (Takara, Japan),
using SYBR Premix Ex Taq (Takara, Japan). One microliter
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100 𝜇m

(e)

(f)

Figure 1: Representative scanning electron micrographs of articular chondrocytes, cultured on flat ((a), (c), and (e)) and honeycomb films
((b), (d), and (f)) for 6 ((a), (b)), 24 ((c), (d)), and 72 ((e), (f)) hours.

of cDNA template was used for real-time PCR in a final
volume of 25 𝜇L. cDNA was amplified according to the
following condition: 95∘ C for 5 s and 60∘ C for 30 s at 40
amplification cycles. Changes to their fluorescence were
monitored with SYBR Green after every cycle. A dissociation
curve analysis was performed (0.5∘ C/s increase from 60 to
95∘ C with continuous fluorescence readings) at the end of
cycles to ensure that single PCR products were obtained. The
amplicon size and reaction specificity were confirmed by 2.5%
agarose gel electrophoresis. All reactions were repeated in
4 separate PCR runs, using RNA isolated from 12 samples
per time point, for both the honeycomb and flat films.
The results were evaluated using the Thermal Cycler Dice
Real Time System software program. Glyceroaldehyde-3phosphate dehydrogenase (GAPDH) primers were used to
normalize the samples.
2.8. Data Analysis. Numerical data were evaluated by analysis of variance using a commercially available statistical

software package. A statistical significance was deduced when
the P value is less than 0.05.

3. Results
3.1. Cell Attachment. Early morphological changes to the
chondrocytes on both the flat and honeycomb films were
observed using scanning electron microscopy. The micrographs in Figures 1(a) and 1(b) show the distribution and
morphology of chondrocytes after 6 hours of culture on both
the flat and HC films. Observably, cells on both films were
morphologically rounded. While the cells demonstrated very
little spreading, some cell-cell interactions were observed by
those within close proximity on the flat film. Cells on the
HC, however, either had processes which extended inside or
were physically encapsulated within the pores. By 24 hours,
more cells may be observed on the films. Although not
completely flattened, some of the cells on the flat film had
begun adopting a different morphology (Figure 1(c)), taking
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(a)

(b)

(c)

(d)

(e)

(f)

Figure 2: Low and high magnification confocal images of chondrocytes whose nuclei and cytoskeletal fibres were stained following 6 ((a),
(b)), 24 ((c), (d)), and 72 ((e), (f)) hours of culture on either flat ((a), (c), and (e)) or honeycomb ((b), (d), and (f)) films.

over a larger area on the films. At the same time, chondrocytes
on the honeycomb films were either completely flattened,
covering areas of several pore sizes, or still rounded, with
processes inside the pores (Figure 1(d)). At 72 hours, cells
cultured on the flat films (Figure 1(c)) appeared relatively
flatter than earlier time points observed. However, some
cells, particularly on the honeycomb films, maintained their
rounded morphology. Despite this, chondrocytes had begun
to spread over the honeycomb films, covering several adjacent
micropores (Figure 1(f)).
3.2. Cytoskeletal Organisation. The dual confocal images in
Figure 2 show the cell nucleus (blue) and their cytoskeletal

actin fibres (red) following 6, 24, and 72 hours of culture.
Collectively, these confocal images suggest an increased cell
number over the 72-hour period. Additionally, the increasing
surface area taken up by the cells actin network is indicative
of their spreading. At 6 hours, the area covered by the actin
fibres on either the flat or patterned films was not much
bigger than that of the cell nucleus (Figures 2(a) and 2(b)).
There were some exceptions, whereby, individual cells had
produced and organised a relatively high amount of actin
fibres. However, these were only associated with cells on
the flat films. The micrographs corresponding to 24 hours
showed that most of the cells were beginning to develop their
cytoskeleton. However, greater extent of actin formation was
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Figure 3: Graphs show (a) DNA and (b) keratin sulphate concentrations measured on honeycomb and flat films over the 14-day culture
period. Data represents mean and standard deviations of 3–6 discs per sampled time point ∗ 𝑃 < 0.05.

observed by cells on the flat film (Figure 2(c)), compared
with those on the honeycomb films (Figure 2(d)). In addition,
the cells on the flat films had begun to form small clusters,
consisting of 4–6 cells. This trend continued till 72 hours,
where most cells on the flat films (Figure 2(e)) exhibited a
relatively well-organised cytoskeleton compared to those on
the honeycomb films (Figure 2(f)). Despite cell spreading
being highest at 72 hours, a large proportion of cells still had
less pronounced actin fibres. Moreover, the size differences
between their nuclei and their network of actin fibres were not
significantly different from those of cells imaged after 6 hours
of culture. These cells were more prevalent on the honeycomb
films.
3.3. DNA and GAG Concentrations. The concentrations of
DNA and keratan sulphate retained on the films are summarised in Figure 3. For both the flat and HC films, the DNA
concentration increased steadily over the 14 days. The peak
DNA increase on the HC films occurred on day 7. The value
was 200% of the day 1 value. Thereafter, DNA was reduced
at day 14. By contrast, DNA concentration on the flat films
peaked on day 14, with a 400% increase from the day 1 value.
Figure 3(b) shows keratan sulphate retained on the films,
normalised to DNA concentration, over the 14-day culture
period. The graph demonstrated steady increases with culture
time. Evidently, keratin sulphate concentrations were higher
on the honeycomb films at every time point than on those
associated with the flat films. Accordingly, the biggest and
most significant differences were at days 3 and 7. Keratin
sulphate values for the HC and flat films peaked on day 7,
after which they reduced from 12 and 6 ng/disk, respectively,
to 4 and 3 ng/disk, which represents approximately 400% and
300% of their respective day 1 values.
3.4. Gene Expression. The expression of mRNA for aggrecan
and type II collagen, relative to GAPDH, are presented
in Figure 4. It is clearly demonstrated that the relative
expressions of neither the type II collagen nor the aggrecan
differed between the flat and honeycomb films. Accordingly,

aggrecan expression was always lower than that of type II
collagen, irrespective of surface topography. Furthermore,
the expression of type II collagen increased over the 14 days,
while that of aggrecan appeared to have decreased slightly
(ns). Figure 4(b) describes the temporal changes to these
relative expressions at 3, 7, and 14 days. These were obtained
by normalizing the corresponding time points to day 1 values
to obtain the percentage differences. It may be observed
that there was approximately 10% upregulation of type II
collage on both films, at days 3 and 7. By 14 days, this rose
to approximately 25% of the day 1 values, with insignificant
differences between cells on the honeycomb films and the
flat films. By contrast, expression for aggrecan by cells on
flat film was downregulated over the culture period. A peak
downregulation of 7.4% was observed at day 3. However, by
day 14, the reduction had reduced to approximately 2.9% of
their day 1 values. With regard to cells on honeycomb films,
there was an initial upregulation of 3.4%. However, by 14 days,
aggrecan expression had reduced only by a mere 0.6% of its
day 1 value.
The graphs in Figure 5 show the relative expression of
type I collagen and the temporal changes to its expression
on both films. A significant level of type I collagen, relative
to GAPDH, was achieved on both films, from as early as
day 1. Although not surpassing GAPDH, the expression for
type I collagen increased steadily over the remaining culture
period. The up-regulation of type I collagen increased from
approximately 2.5% at day 3 on both film, to 14% and 17%
on the flat and honeycomb films, respectively, at day 14.
Interestingly, the upregulation type I collagen was higher on
flat films than honeycomb at day 7, with their normalised
values being 8.4% and 3.6%, respectively.

4. Discussion
The present study examined the behaviour of articular
chondrocytes on HC films prepared using a novel selforganization method. At first, it was useful to determine
whether the micropatterned surface was suitable for the
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of culture on either the honeycomb (CH) or the flat (FF) films. Normalised to their day 1 values, (b) shows the temporal changes to their
expression levels at days 3, 7, and 14, in terms of percentage difference. Data represents mean and standard deviations of 12 discs per sampled
time point.
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chondrocytes, since their morphology is important and is
governed in vitro by their spatial environment. Cytotoxicity
on PCL surfaces was not a major concern, since porcine
articular chondrocytes have been successfully cultured on
PCL for up to 14 days by Tsai and colleagues [28]. Moreover,
Cap, which served as an emulsifier has been used to make
honeycomb-patterned films, and hepatocytes were successfully cultured [18].
The chondrocytes attached to both the flat and HC
films PCL films used in the present study, the articular
chondrocytes attached to both the flat and the honeycombed
PCL surfaces. At the earliest observed time point, the cells

on both surfaces were typically round, sparse, and heterogeneously distributed. Although not quantitatively compared,
the honeycomb films retained more cells at 6 hours than the
flat films. SEM micrographs showed some cells within the
pores. These cells were morphologically rounded, suggesting
that they were physically entrapped.
The 24-hour samples had significantly higher cell number
and were more homogeneously distributed on both films. It
is, however, unlikely that proliferation is responsible for this.
Rather, it is more plausible that the chondrocytes adhesion
to the films at 6 hours were not strong enough to survive the
preparation process required for SEM imaging, resulting in a
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significant amount of the cell detachment. Between 6 and 24
hours more cells had attached to the surfaces, and stronger
interactions had been formed. Presumably, this reduced cell
detachment during the SEM sample preparation.
The organisation of chondrocytes actin cytoskeleton has
been shown to correlate with their differentiation and gene
expression [29]. Therefore, monitoring its developments on
the microporous films was potentially useful for predicting
their midterm survival and long-term functionality. The
flattened appearance of the articular chondrocytes at 72
hours, combined with the larger surface area covered by
their actin fibres, at the same time point, suggests that the
majority of the cells had begun to spread on the films.
Prior to this, their cytoskeletal organisation exhibited a
ring-like distribution. This ring-like distribution was also
observed in native cartilage by Ciolfi and coworkers [30],
who suggested this to be their preferred actin organisation.
By contrast, the actin filaments observed at 72 hours were
extensive and appeared randomly organised, with respect to
the honeycomb films.
The temporal changes to DNA concentration described
the cells proliferation over the 14 days. For cells cultured on
flat films, the biggest difference in DNA values occurring
between days 7 and 14 suggests that cellular proliferation on
the flat films was highest then. On the other hand, cell proliferation on the HC films peaked between days and 3 and 7. The
reduced DNA concentration may either be an indication of a
pending viability issue or an incomplete digestion of the day
14 HC samples. Due to the heterogeneity of the HC-cellular
constructs, it is likely that, during the course of time, the cells
at the top flatten out and produce ECM. The ECM inevitably
hinders access to the internal regions of the HC pores. A
natural consequence is that the cells within may suffer from
reduced nutrient supply. Indeed, cases of nutrient deficiency
leading to reduced cellular activities and viabilities within
3D-cultures are all too common in the literatures. A further
consequence is that only the cells (flattened) at the top of the
HC surfaces, along with their ECM, were digested sufficiently
to allow detection by the biochemical reagents. This is a
probable explanation for the lower values of ECM, GAG and
gene expression molecules measured from HC cultures.
Cellular viability was monitored regularly during the
study using Calcein-AM-Ethidium Homodimer method.
There was no viability issue observed with either of the
culture setups. Therefore, it is fair to assume that the lower
experimental parameters observed with the HC-cultures are
most likely due to the incomplete digestion of the 3Dsamples, caused by lack of access to the internal regions of
the micropores, as opposed to a cellular viability challenge.
Interestingly, the amount of DNA associated with the
flat films at day 14 is not significantly different to that on
honeycomb at day 7. This implies either that cell proliferation
on flat film has a longer lag phase than when cultured on
the honeycomb films, or that this DNA value represents
a maximum number of cells sustainable by the 14 mm
diameter discs. The latter explanation is however unlikely,
since cells are capable of forming multiple layers on flat and
microporous surfaces [31]. By extending the culture period, it
may be possible to determine the true maximum DNA value,
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that is to say, the maximum number of cells sustainable by
both films and how long it takes for the films to achieve their
respective values.
The increased keratin sulphate concentration over the 14
days suggested that the cells on both films were producing
ECM. Observably, ECM concentration on both types of
surfaces peaked at day 7 and fell significantly thereafter,
while the decline on the flat surface during the same time
point was not significant. Matrix production by human
chondrocytes, cultured on both flat and porous PCL scaffolds
were previously observed to increase till 14 days, and decline
henceforth [32].
While the keratin sulphate concentration on the films
provides good indication of its production by the cells, it is
worth noting that the higher concentration associated with
HC films may result also from a higher retention on the
microporous surface. Indeed, it is well reported that surface
topography influences protein adsorption [33]. Moreover,
adsorption of fibronectin and vitronectin to honeycomb
films was found to be significantly higher than that on the
corresponding flat surface [34]. This is conceivable, since
the surface area of honeycomb films is higher than that of
flat films [35]. Keratin sulphate is a small glycosaminoglycan
(GAG) unit, essential to the formation of the larger, aggregating proteoglycan, aggrecan. As GAGs build up, aggrecan
molecules are formed. These bind noncovalently to hyaluronan chains, to form an aggrecan-hyaluronan complex. This
aggregating GAG molecule, whose chain length and molecular weight may reach 10,000 nm and 50,000 kDa, respectively,
is involved in tissue hydration, load distribution, and the
immobilisation and storage of growth factors [36]. Therefore,
the comparatively high retention of keratin sulphate on
the HC films may indicate a superior ability to induce
neocartilage with functional ECM.
In a similar study, [26], chondrocytes were found to
survive on polymeric surfaces with 5 𝜇m pore. Their proliferation and matrix synthesis were validated for up to
3 weeks. However, the cells were observed to spread on
the films, adopting a flat morphology. Moreover, it was
not determined whether the surfaces had maintained the
cells phenotype. Notably, the 5 𝜇m pores are insufficient to
accommodate the chondrocytes, therefore, excluding them
from the internal surfaces. The present study assessed the
possibility of maintaining the viability and morphology of
articular chondrocytes on HC-patterned surfaces with 10 𝜇m
pore diameter. Quantifying RT-PCR helped determine the
gene expression levels of type II collagen and aggrecan. These
genes had been identified as the major phenotypic markers
for chondrogenic tissues [37–40]. Their levels of expression
were compared to that of the protein, glyceraldehyde-3phosphate dehydrogenase (GAPDH). The upregulation of
type II collagen expression at days 3 and 7 (Figure 4(b))
correlates with the increased matrix synthesis (Figure 3(b))
observed at these time points. Furthermore, as the accumulation of matrix molecules on the cultured discs fell at day 14,
the expression of collagen II, the major component of chondrocytes ECM, increased. This response may be associated
with matrix turnover, during which anabolic and catabolic
gene expression compete to balance matrix homeostasis [41].
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On the other hand, the temporal downregulation of aggrecan
(Figure 4(b)) may suggest that the chondrocytes were undergoing some sort of phenotypic change. The heterogeneity
of chondrocytes within cartilage is such that the superficial
zone of articular cartilage characteristically has one to several
layers of flattened, disc-shaped cells. As well as having densely
packed bundles of collagen fibres orientated parallel to the
articulating surface, these cells are associated with relatively
low proteoglycan content [36, 42]. Bearing in mind the
fact that the chondrocytes had begun to spread over the
films, adopting a flattened morphology by 72 hours (Figures
1(e) and 1(f)), it is therefore plausible that the cells were
developing characteristics associated with cells at the superficial zones of articular cartilage. The chondrocytes situated
inside the 10 𝜇m pores typically maintained their rounded
morphology (Figures 1(d) and 1(f)). This may explain why the
downregulation of aggrecan was less pronounced by cells on
the HC films, compared to those cultured on the flat films,
which had completely flattened out.
The expression level for type I collagen was measured
to detect dedifferentiation of the chondrocytes back into
their more fibroblastic progenitors. At 24 hours expression of
type I collagen, relative to GAPDH, was approximately 0.74,
compared to 1.04 and 0.85 of type II collagen and aggrecan,
respectively. Nonetheless, expression of type I collagen was
unexpected. It is worth noting that prior to their culture
on the flat and honeycomb films, the cells were expanded
in monolayer for 7days. Such culture has been reported to
induce chondrocytes dedifferentiation and the production of
type I collagen [10, 36]. It is therefore likely that the expression
of type I collagen by the cells from as early as 24 hours may
have resulted from their expansion in monolayer. Moreover,
the temporal upregulation of the gene for type I collagen
suggests a continual trend by some cells to dedifferentiate,
despite the simultaneous upregulation of the type II collagen
gene.

5. Conclusions
In light of the observations made in this study, it is concluded
that articular chondrocytes attach to honeycomb surfaces.
This was manifested by increased concentration of DNA and
accumulation of extracellular matrix molecules. The extent
of these was either similar to or, at times, greater than the
flat surfaces, within the first 7 days. However, by 14 days, the
honeycomb fell short of the flat films.
Chondrocytes, being naturally round, may have been
adversely affected by their adoption of a flat morphology
when attached to and spread on the flat and honeycomb films.
The extent of this was difficult to determine, since the onset
of phenotypic change may have begun during the preculture
phase.
Extending the culture period may be useful to observe
the long-term fate of cells on the honeycomb surfaces. It may
be possible that the formation of multilayer of cells, albeit
heterogeneous in morphology, with the rounded cells within
the pores, while the flattened ones are at the top, may produce
neocartilage, which is structurally and functionally similar
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to articular cartilage. Furthermore, by manipulating the pore
geometry of the honeycomb films, the advantage achieved, in
the first 7 days, with respect to both proliferation and matrix
synthesis, may be prolonged.
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Dental modeling resins have been developed for use in areas where highly precise resin structures are needed. The manufacturers
claim that these polymethyl methacrylate/methyl methacrylate (PMMA/MMA) resins show little or no shrinkage after
polymerization. This study examined the polymerization shrinkage of five dental modeling resins as well as one temporary
PMMA/MMA resin (control). The morphology and the particle size of the prepolymerized PMMA powders were investigated
by scanning electron microscopy and laser diffraction particle size analysis, respectively. Linear polymerization shrinkage strains
of the resins were monitored for 20 minutes using a custom-made linometer, and the final values (at 20 minutes) were converted
into volumetric shrinkages. The final volumetric shrinkage values for the modeling resins were statistically similar (𝑃 > 0.05) or
significantly larger (𝑃 < 0.05) than that of the control resin and were related to the polymerization kinetics (𝑃 < 0.05) rather than
the PMMA bead size (𝑃 = 0.335). Therefore, the optimal control of the polymerization kinetics seems to be more important for
producing high-precision resin structures rather than the use of dental modeling resins.

1. Introduction
The acrylic family of polymers includes polymers and copolymers of acrylic and methacrylic acids and esters, acrylonitrile,
and acrylamide [1]. However, most of the acrylic family
products are acrylic and methacrylic esters. Acrylates are
highly reactive due to the absence of the protecting methyl
group at the vicinity of the double bond and may pose
biocompatibility and shelf-life problems [2]. Moreover, polyacrylates are very soft because the polymer chains are not
rigid [1]. Thus, methacrylate and its polymer, polymethacrylate, tend to be used in medical and dental applications
to prepare shaped objects. Methyl methacrylate (MMA) is
the most commonly used monomer in dentistry. Polymethyl
methacrylate (PMMA) resin was originally introduced as
a denture base material and was also formerly used as
dental restorative materials [3]. They are now widely used
for provisional crowns, fixed partial dentures, or orthodontic

appliances and also for orthopedic surgery as bone cements
[3].
Because of the very large (21 vol%) polymerization
shrinkage, the polymerization of various PMMA products is
carried out in stages to control the product dimensions for
use in industrial applications [1, 4]. To prepare dental PMMA
resins, a mixture of powdered polymer (prepolymerized
PMMA particle) and monomer is used, and dissolution of
the polymer in the monomer results in the formation of a
plastic dough [5]. Along with this physical interaction, the
resin is cured by the application of heat (heat-curing type) or
chemicals (self-curing type). This mixed form enables ease of
handling and minimizes shrinkage strain upon polymerization via the progressive substitution of the liquid monomer
by the prepolymerized powder [3–5].
Dental modeling resins, which are also based on the
PMMA/MMA system, have been developed for use in applications where highly precise resin structures are needed.
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As osseointegrated implants show little mobility relative
to the surrounding bone, a misfit of implant-supported
fixed partial dentures can allow the transmission of stress
via the implants to the surrounding bone [6]. Therefore,
dental laboratories use modeling or pattern resins for the
construction of implant-retained suprastructures that require
a precise fit. Although the manufacturers claim that these
resins show little or no shrinkage, the actual data appears
limited. Moreover, the mechanism of how the resins control
or reduce polymerization shrinkage is unknown.
This study examined the effects of the prepolymerized
PMMA particle size and polymerization kinetics on the
volumetric shrinkage of five dental modeling resins and
one temporary resin (control). The “linometer” method was
used for determining the linear polymerization shrinkage,
which was finally converted into a volumetric shrinkage.
We hypothesized that (1) PMMA particles of the modeling
resin are larger than that of the temporary resin and (2) the
modeling resins yield lower final volumetric shrinkage values
than the temporary resin.

2. Materials and Methods
2.1. Resin Materials Tested. In this study, Pi-Ku-Plast (PK;
bredent GmbH & Co. KG, Germany), DuraLay (DL; Reliance
Dental Mfg. Co., USA), Fino Resin PR (FR; Fino GmbH,
Germany), GC Pattern Resin (GP; GC Corp., Japan), GC
Pattern Resin LS (GL; GC America Inc., USA), and the
control Jet Tooth Shade (JT; Lang Dental Mfg. Co. Inc.,
USA) were used. They all had similar chemical compositions:
PMMA powder containing benzoyl peroxide (BPO) initiator,
MMA liquid containing a cross-linking monomer, a tertiary
amine coinitiator, and an inhibitor [3, 4].
2.2. Characterization of PMMA Particles. The morphology
of the PMMA powders was observed by field-emission
scanning electron microscopy (FE-SEM, JSM-6700F, Jeol,
Japan) after platinum sputtering. The PMMA particle size
was analyzed using a laser diffraction particle size analyzer
(LA-950, Horiba, Japan) with a run length of 30 seconds [7].
Prior to the analysis, the powders were dispersed in ethanol
and ultrasonicated for 3 minutes to ensure good particle
dispersion [7].
2.3. Shrinkage Measurements. Linear polymerization shrinkage measurements were performed using a custom-made
linometer (R&B Inc., Korea) [8, 9]. A schematic illustration of
the linometer is shown in Figure 1. All the resins were mixed
at a powder/liquid (𝑃/𝐿) ratio of 3 : 1 by volume [4]. Freshly
mixed materials were transferred to a Teflon mold to ensure
that the same amount (∼50 mm3 ) of resin was used for each
linometer sample. Then, the materials were transferred to the
aluminum disc in the linometer that had been previously
coated with separating grease (Dow Corning, USA) then
covered with a glass slide and loaded under constant pressure.
The surface of the glass slide facing the specimen was also
coated with the separating grease. As the resin under the
slide glass was self-cured, the aluminum disc under the resin
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Figure 1: Schematic illustration of the linometer with a resin sample
placed between the glass slide and aluminum disc.

moved upward. The amount of disc displacement was measured using a sensor every 0.5 seconds for 20 minutes. The
displacements were related to the true linear polymerization
shrinkage because the surfaces to which the materials were
attached were greased to allow a free shrinking movement in
the radial sense along these surfaces [8]. Ten measurements
were made for each resin.
The linear polymerization shrinkage was calculated using
[8]:
lin % = [

Δ𝐿
] × 100,
(𝐿 + Δ𝐿)

(1)

where Δ𝐿 is the recorded displacement and 𝐿 is the thickness
of the specimen after polymerization. Finally, volumetric
shrinkage was calculated using [8]:
vol% = 3 lin % − 0.03(lin %)2 + 0.0001(lin %)3 .

(2)

Two principal parameters were derived to express the
polymerization shrinkage kinetics [10]: (1) the initial shrinkage, which is characterized as the percentage change in
shrinkage in the first 10 seconds after a positive increase
in shrinkage strain and (2) the overall time constant, the
time for the shrinkage to achieve a fraction of 0.632 (or
1 − 𝑒−1 , which is derived from the Kohlrausch-WilliamsWatts (KWW) stretched-exponential growth curve) of its
final magnitude.
2.4. Statistical Analysis. For statistical analysis of the shrinkage data, one-way ANOVA and Tukey’s post hoc test were
used at 𝛼 = 0.05. Polynomial regression was performed to
determine the correlations between the final shrinkage strain
and the two kinetics parameters (initial shrinkage and overall
time constant) as well as the prepolymerized particle size.

3. Results and Discussion
The curing shrinkage of resin-based dental materials is
measured using a variety of methods. These include dilatometric methods [11], the bonded disc method [4, 10, 12],
the linometer method [8], and the strain-gauge method [4].
Although it is commonly used, dilatometry is very sensitive to
the ambient temperature during the experiment because the
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Figure 2: SEM images of the PMMA particles of the control (a) and GL (b) (original magnification 3000x). All particles tested in this study
were spherical-shaped with different sizes.
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volume of a medium in the dilatometer can increase as the
temperature of the medium increases [12, 13]. On the other
hand, the bonded disc method is relatively easy to use and
does not require extensive and expensive instrumentation
[11]. The linometer method is a modification of the bonded
disc method and tracks the linear vertical displacement of a
free floating aluminum disc fixed to the surface of a resinous
material applied to a horizontal glass plate (Figure 1) [11, 13].
Like the bonded disc method, dimensional changes are confined to the thickness of the sample disc so that the fractional
linear shrinkage approximates the volumetric shrinkage [8,
10]. Since the polymerization shrinkage strain can be reduced
by the substitution of liquid monomer in a PMMA/MMA
system by the prepolymerized powder [3–5], we hypothesize
that the particle size is the main factor in decreasing the final
volumetric shrinkage values in the dental modeling resins.
Figure 2 shows the representative SEM images of the
PMMA particles of the temporary resin (control) and GL.
In most dental acrylic resins, PMMA beads in the powder
have diameters up to 100 𝜇m [14]. These are produced via
suspension polymerization in which the MMA monomer,
containing the initiator, is suspended as droplets in water
[14]. In this study, all PMMA particles showed a spherical
morphology (bead-shaped) with various sizes. The PMMA
particle size distribution of each resin is shown in Figure 3.
Table 1 summarizes the median, mean, standard deviation,
and mode of the particle sizes. Some differences between the
median, mean, and mode indicate that the distributions are
not completely symmetrical. Such trends were significant in
FR, as indicated by the greater difference between the median
and the mean than in the other resins. For GP and GL, large
differences between the mode and the median or mean size
indicate a bimodal distribution. The particle size of the modeling resins was similar to that of the control except for GP
and GL, whose particle sizes were considerably larger. When
powder and liquid are mixed, the MMA diffuses around
and into the PMMA particles, releasing the prepolymerized

GL
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PK

12

FR

10
8
6
4
2
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Particle diameter (𝜇m)

Figure 3: PMMA particle size distribution.

polymer chains from the surface of the particles [3, 7]. A
small particle size may improve the wetting of the beads and
reduces the doughing time by forming a smoother mix and a
greater dissolution of the particles [5]. However, this is only a
physical interaction between the powder and liquid [3]. The
tertiary amines (in the liquid) carry out the redox initiation
together with BPO (in the powder) in a short period of time
at room temperature [3, 15].
Figure 4 shows the representative polymerization shrinkage strain of the materials. Once initiated, the initial rigid
polymerization shrinkage proceeded rapidly, as a nearly
linear function of time [10]. Nonetheless, the normalized
overall shrinkage response was approximately represented
by the KWW stretched-exponential growth curve [10, 16].
This is particularly appropriate for the situation following the
initial linear shrinkage [10]. Thus, the kinetic behavior was
characterized by an overall time constant associated with the
curve [10]. In addition, the initial shrinkage, indicating the
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Table 1: Volume-based PMMA particle size distribution.

Material
JT (Jet Tooth Shade, control)
PK (Pi-Ku-Plast)
DL (DuraLay)
FR (Fino Resin PR)
GP (GC Pattern Resin)
GL (GC Pattern Resin LS)

Median
size∗

Mean
size†

SD‡

Mode
size§

55.41
51.00
57.27
64.89
110.15
125.71

58.28
57.41
60.17
74.80
116.27
127.12

19.51
30.35
20.37
44.57
53.74
59.70

55.06
48.32
55.42
63.31
124.80
143.32

All values are in 𝜇m. ∗ The size that splits the volume distribution with half
above and half below this diameter; † the volume mean diameter; ‡ standard
deviation for the frequency distribution; § the peak of the frequency distribution.
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Figure 4: Representative volumetric shrinkage/time graphs
(recorded 1 minute after starting the mix).
Table 2: Shrinkage data determined using a linometer.
Material

Volumetric
shrinkage (%)

Shrinkage in 10
seconds (%)

Overall time
constant (s)

JT
PK
DL
FR
GP
GL

6.15 ± 0.64 A
7.83 ± 1.57 AB
6.22 ± 1.24 A
7.11 ± 0.86 AB
8.70 ± 1.78 B
8.09 ± 1.91 B

0.53 ± 0.09 A
0.77 ± 0.18 A
0.52 ± 0.10 A
0.74 ± 0.12 A
1.57 ± 0.27 B
1.59 ± 0.29 B

316.82 ± 23.36 A
120.56 ± 19.39 B
283.01 ± 28.91 C
136.79 ± 19.41 B
78.43 ± 14.03 D
85.27 ± 6.85 D

Values are expressed as mean ± standard deviation. Within a row, values
followed by different uppercase letters are statistically different (𝑃 < 0.05).

initial reaction speed, was used to characterize the kinetic
behavior [17].
Table 2 lists the statistical analysis results of the final volumetric shrinkage, initial shrinkage, and overall time constant.
The mean final volumetric shrinkage-strain values ranged
from 6.15% to 8.70%. The values for the modeling resins were
similar (PK, DL, and FR; 𝑃 > 0.05) or significantly greater
(GP, GL; 𝑃 < 0.05) than that of the control resin. This suggests
that the modeling resins did not necessarily produce less

polymerization shrinkage, but sometimes more shrinkage
than the conventional PMMA/MMA resin when they were
all mixed at the same 𝑃/𝐿 ratio. Both the initial shrinkage and
the overall time constant also showed significant differences
between the materials based on the one-way ANOVA (𝑃 <
0.001).
Volumetric shrinkage strain of a resin can be used to
represent the extent of polymerization [18] because there is
a direct relationship between the volumetric shrinkage and
the monomer conversion [17]. In the PMMA/MMA resins
tested in this study, the amounts of BPO initiator in the
powder and amine coinitiator in the liquid are different
between the materials. Thus, the different final shrinkage
strains for the resins may have been mainly due to the
different concentrations of the chemical initiation system
(BPO/amine) in the resins [4, 18]. As shown in Figure 4, the
onsets of polymerization shrinkage also differed significantly
from each other, possibly because of the different types and
concentrations of inhibitors present in the resins. During
the induction or inhibition period, polymerization is halted
by the chemical inhibitors. At the end of this period, when
the inhibitor is consumed, polymerization proceeds at the
same rate as in the absence of inhibitor [1]. However,
higher inhibitor levels can compromise the final degree of
conversion [19].
Figure 5 shows the polynomial regression curves of volumetric shrinkage versus the median particle size, initial
shrinkage, and overall time constant. In these statistical analyses, the median size was used because it is more commonly
used and gives more meaningful information than the mean
or mode size when using the laser diffraction technique.
No statistical correlation was observed between the median
PMMA particle size and the polymerization shrinkage in the
present study (𝑃 = 0.335) (Figure 5(a)). Thus, although the
use of prepolymerized powder in PMMA resins can reduce
shrinkage strain upon polymerization [3–5], the particle
size did not significantly influence the final shrinkage value.
In contrast, the regression curves between the shrinkage
and initial shrinkage (Figure 5(b)) and overall time constant
(Figure 5(c)) fitted well with a second-order polynomial.
In a study by Silikas et al. [4], when PMMA/MMA resin
specimens were prepared with different 𝑃/𝐿 ratios by volume,
the final shrinkage-strain values correlated positively with
the 𝑃/𝐿 ratios. On the contrary, when an additional 1.0%
BPO was added in the powder, the final shrinkage-strain
values correlated negatively with the 𝑃/𝐿 ratio [4]. Based on
these findings, the volumetric shrinkage strain seems to be
more dependent on the extent of polymerization or degree of
conversion rather than on the size or amount of PMMA beads
in the PMMA/MMA mixture [18].
In general, polymerization shrinkage proceeds in two
stages: pregelation and postgelation (or rigid) shrinkage [10,
20]. Shrinkage magnitudes obtained in this study are equal to
or close to the postgelation volumetric shrinkage values [10,
13]. Some of the shrinkage occurs prior to the development
of elastic properties in the resin, and some after the elastic
behavior dominates [11]. During pregel polymerization, the
resin may flow, allowing internal stresses to be relived [20].
After gelation, flow discontinues and cannot compensate for

BioMed Research International

5
10
Volumetric shrinkage (%)

Volumetric shrinkage (%)

10
9
8
7

R2 = 0.517; P = 0.335

6
5

9
8
7

y = −4.4768x2 + 11.565x + 1.3031
R2 = 0.938; P = 0.015

6
5

50

70

90

110

130

150

0.4

0.6

Median PMMA particle size (𝜇m)

0.8
1.0
1.2
1.4
Shrinkage in 10 seconds (%)

(a)

1.6

1.8

(b)

Volumetric shrinkage (%)

10
y = 0.00006x2 − 0.0332x + 10.739
R2 = 0.961; P = 0.008

9
8
7
6
5
50

100

150
200
250
Time constant (s)

300

350

(c)

Figure 5: Polynomial regression curves of volumetric shrinkage versus the median particle size (a), initial shrinkage (b), and overall time
constant (c).

the polymerization shrinkage stresses [13]. Although postgel
polymerization shrinkage strain and stress are more clinically
relevant [20], the measurement of only postgel shrinkage
strain could provide lower values than that of total shrinkage
strain [13]. Although the dilatometry method is often believed
to measure total contraction (pregel and postgel), adhesion of
the specimen to a plate introduces constraint, which limits the
collection of shrinkage [11]. A relatively new video-controlled
technique may provide values close to the total shrinkagestrains values [13], and the data obtained in this study can be
verified using such a technique.
The findings of this study require rejection of both the
null hypotheses and suggest that dental modeling resins
may not necessarily provide lower volumetric polymerization shrinkage than conventional PMMA/MMA resins. The
manufacturers of modeling resins do not specify the 𝑃/𝐿
mixing ratios because the products are generally used in
the brush-dip technique. When using the technique, the
𝑃/𝐿 ratio can be altered by the skillfulness of the dental
laboratory technicians or dental clinicians. In such a case,
changes in the amounts of the BPO initiator in the powder
and amine coinitiator in the liquid can lead to changes in
the rate of polymerization and, therefore, the final shrinkagestrain values [21]. In cases where resin samples are imperfectly
cured, the measured shrinkage strain will be correspondingly

reduced [10]. Also, the low degree of conversion can affect
the mechanical properties of a resin material [19]. In the case
of dental modeling resins, however, reducing the volumetric
shrinkage by controlling the degree of conversion at the
cost of the mechanical properties might be permissible to
some extent. Nonetheless, possible adverse effects of changing 𝑃/𝐿 ratio, producing either excessive shrinkage strain
or underpolymerization, should be understood and where
possible controlled [4]. These findings may also be helpful
in determining the optimal formulation of “true” low or
nonshrinkage dental acrylic resins.

4. Conclusions
Within the limitations of this study, the following conclusions
can be drawn.
(1) The final volumetric shrinkage of dental
PMMA/MMA resins, including modeling resins, was
related to the polymerization kinetics rather than the
prepolymerized PMMA particle sizes.
(2) Dental modeling resins did not necessarily provide
low volumetric shrinkage upon polymerization compared to the conventional PMMA/MMA resin when
they were mixed at the same 𝑃/𝐿 ratio.
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Design of mechanical skeletons of biodegradable synthetic polymers such as poly(L-lactic acid) (PLLA), poly(DL-lactic-co-glycolic
acid) (PLGA), and poly(𝜀-caprolactone) (PCL) is important in the construction of the hybrid scaffolds of biodegradable synthetic
polymers and naturally derived polymers such as collagen. In this study, cylinder-shaped PLLA, PLGA, and PCL sponges were
prepared by the porogen leaching method using a cylinder model. The effects of polymer type, polymer fraction, cylinder height,
pore size, and porosity on the mechanical properties of the cylinder-shape sponges were investigated. SEM observation showed that
these cylinder-shaped sponges had evenly distributed bulk pore structures and the wall surfaces were less porous with a smaller
pore size than the wall bulk pore structures. The porosity and pore size of the sponges could be controlled by the ratio and size
of the porogen materials. The PLGA sponges showed superior mechanical properties than those of the PLLA and PCL sponges.
Higher porosity resulted in an inferior mechanical strength. The pore size and sponge height also affected the mechanical properties.
The results indicate that cylinder-shaped sponges can be tethered by choosing the appropriate polymers, size and ratio of porogen
materials and dimension of sponges based on the purpose of the application.

1. Introduction
Porous scaffolds have been used for three-dimensional cell
cultures to construct functional tissues and organs for transplantation [1–4]. The porous scaffolds provide a temporary microenvironment for the seeded cells to control cell
functions, provide sufficient space for new tissue formation,
and protect cells from suppression by surrounding tissues.
Various porous scaffolds have been developed from both synthetic and naturally derived polymers for tissue engineering
and regeneration [5–12].
In addition to the ability to allow cell adhesion, promote
cell proliferation and differentiation, assemble the cells and
extracellular matrices, and guide the formation of functional tissues and organs, porous scaffolds should have high
mechanical strength and high porosity [13, 14]. However,

porosity and mechanical strength are contradictory properties of porous scaffolds. Generally, high porosity results in
low mechanical strength and vice versa. To solve the problem, biodegradable synthetic polymers such as poly(L-lactic
acid) (PLLA), poly(glycolic acid) (PGA), poly(DL-lactic-coglycolic acid) (PLGA), and poly(𝜀-caprolactone) (PCL) have
been hybridized with naturally derived polymers such as
collagen [15–19]. The mechanically strong synthetic polymers
serve as a mechanical skeleton to support the hybrid porous
scaffolds, whereas collagen sponges provide high porosity
and a favorable microenvironment for cell proliferation
and new tissue formation. We have used the hybridization
method to prepare a new type of hybrid porous scaffolds by
introducing collagen sponges into a cylinder-shaped PLLA
sponge skeleton [20]. The cylinder-shaped PLLA-collagen
hybrid sponges showed high mechanical strength and high
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Figure 1: Photographs of the PFA tube (a), Teflon base (b), assembled Teflon mold (c), mixture of NaCl and PLLA filled within Teflon model
(d), PLLA/NaCl cylinder (e), and cylinder-shaped PLLA sponge (f).

porosity. Compared to block-type hybrid sponges, cylindershaped PLLA-collagen hybrid sponges had a higher porosity
[10, 20]. The key technique in the construction of such
cylinder-shaped hybrid sponges is to assemble the cylindershaped porous skeletons from mechanically strong synthetic
polymers. Therefore, in this study, we compared three types
of biodegradable polymers, PLGA, PLLA, and PCL, for
the creation of a mechanically strong and stable cylindershaped porous skeleton. The effects of synthetic polymer type,
cylinder size, and preparation conditions on the mechanical
strength of the cylinder-shaped skeletons were investigated
to provide important information for polymer selection
and the construction of optimal porous scaffolds for tissue
engineering.

2. Experimental and Methods
Cylinder-shaped sponges were prepared by the method of
porogen leaching using a Teflon mold. The Teflon mold
consisted of a perfluoroalkoxy (PFA) tube having an inner
diameter of 12 mm and a height of 9 mm (Figure 1(a)) and
a Teflon base having a pillar with a diameter of 10 mm and
a height of 6 mm (Figure 1(b)). The PFA tube was plugged
into the groove to construct the Teflon mold (Figure 1(c)).
By using the Teflon mold, cylinder-shaped sponges having
an inner diameter of 10 mm, an outer diameter of 12 mm,
and a height of 7 mm can be prepared. Poly(L-lactic acid)
(PLLA, weight-average molecular weight: 116, 000 ± 4700,

Sigma-Aldrich, Inc., St. Louis, MO) was used to prepare the
cylinder-shaped PLLA sponges. The Tg of PLLA is 47∘ C [21].
PLLA (1 g) was dissolved in chloroform (5 mL) in a glass
tube, to which sieved sodium chloride (NaCl) particulates
(9 g) were added and mixed well. Sieved NaCl particulates
ranging between 90–150, 150–250, and 250–355 𝜇m were
used to prepare the cylinder-shaped PLLA sponges with
different pore sizes. The space between the PFA tube and the
Teflon base of the Teflon mold was filled with the polymer
solution/NaCl mixture by pressing the mixture into the space.
The pressed mixture above the PFA tube was removed by
trimming the top surface (Figure 1(d)). The filled Teflon
mold was dried in an air draft for 1 day and vacuum-dried
for another 3 days to allow the chloroform to evaporate
completely. After drying, the Teflon mold was disassembled
to remove the cylinder of the polymer/NaCl mixture from
the Teflon mold (Figure 1(e)). The polymer/NaCl cylinder
was immersed in deionized water to leach out the NaCl
particulates. The deionized water was changed every hour.
The washing was continued until the complete removal of
NaCl. The cylinder-shaped PLLA sponges were dried in air
after washing (Figure 1(f)).
The weight ratio of PLLA to NaCl particulates was
adjusted at 1 : 4, 1 : 5, 1 : 6, 1 : 7, 1 : 8, and 1 : 9 to prepare cylindershaped PLLA sponges of different porosity. Either 4, 5, 6, 7, 8,
or 9 grams of the sieved sodium chloride (NaCl) particulates,
with a diameter ranging from 150 to 255 𝜇m, was added to the
PLLA solution in chloroform (1 g/5 mL) and mixed well. The
following steps were the same as those described above.
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Figure 2: Photographs of cylinder-shaped PLLA (a–c), PLGA (d–f), and PCL (g–i) sponges prepared with NaCl particulates having a diameter
range of 90–150 𝜇m (a, d, g), 150–250 𝜇m (b, e, h), and 250–355 𝜇m (c, f, i). The ratio of polymer to NaCl was 1 : 9.

Cylinder-shaped PLLA sponges of different heights were
prepared by cutting the cylinder of the polymer/NaCl mixture to a specific height during the above described preparation using 150–255 𝜇m NaCl particulates and a polymer/NaCl
ratio of 1 : 9. Five heights (2, 3, 4, 5, 6, and 7 mm) of cylindershaped PLLA sponges were prepared to compare the effect of
height on the mechanical properties.
Cylinder-shaped PLGA and PCL sponges were prepared by the same method as the cylinder-shaped PLLA
sponges described above. Poly(DL-lactic-co-glycolic acid)
with a copolymer ratio of 75/25 (D,L-lactic acid/glycolic acid)

(PLGA, weight-average molecular weight: 109, 520 ± 1, 670,
Sigma-Aldrich, Inc., St. Louis, MO) and poly(𝜀-caprolactone)
(PCL, weight-average molecular weight: 261, 000 ± 2800,
Sigma-Aldrich, Inc., St. Louis, MO) were used to prepare the
respective cylinder-shaped PLGA and PCL sponges. The Tg
of PLGA and PCL is 41 and −56∘ C, respectively [21]. Sieved
NaCl particulates with diameter ranges of 90–150, 150–250,
and 250–355 𝜇m were used. The ratio of polymer to NaCl
particulates was 1 : 9. The sponge height was 7 mm.
Cross-sections of the cylinder-shaped PLLA, PLGA, and
PCL sponges were made by sectioning the sponges with
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Figure 3: SEM microphotographs of vertical cross-sections (a, d, g), horizontal cross-sections (b, e, h), and the inner surfaces (c, f, i) of
the cylinder-shaped PLLA sponges prepared with NaCl particulates having a diameter range of 90–150 𝜇m (a–c), 150–250 𝜇m (d–f), and
250–355 𝜇m (g–i). The ratio of polymer to NaCl was 1 : 9.
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Figure 5: Photographs of cylinder-shaped PLLA sponges having a height of 7, 6, and 5 mm (a) and the change in Young’s modulus with the
sponge height (b). The data represent the mean ± SD of six samples.

a razor blade. The cross-section samples were coated with
platinum using a sputter coater (Sanyu Denshi, Tokyo, Japan).
The wall surfaces and cross-sections of the sponges were
observed by scanning electron microscopy (SEM) (JSM6400Fs; JEOL, Tokyo, Japan).
A mercury porosimeter (Autopore IV, Shimadzu, Kyoto,
Japan) was used to measure the porosity of the cylindershaped sponges. The sponges were cut into small pieces for
the measurement.
A mechanical testing machine (TA.XTplus, Stable Micro
System, UK) was used to measure the mechanical properties
of the cylinder-shaped PLLA, PLGA, and PCL sponges. The
dimension of each sample was measured. The dry sponges
were compressed at a speed of 0.1 mm/min at room temperature. The load-deformation curves were recorded and
used to calculate the elastic modulus. The calculation was
done by using the software Texture Analyzer 32 provided by
the same company. A total of six samples were used for the
measurements of each sponge. Data were reported as mean ±
standard deviation. One-way analysis of variance (ANOVA)
was performed to reveal difference in Young’s modulus
among groups using the t-test. All statistical analyses were
executed using StatFlex Ver. 4.2; 𝑃 < 0.05 was considered
statistically significant.

3. Results and Discussion
Porous cylinder-shaped sponges of PLLA, PLGA, and PCL
were prepared using a porogen leaching method. NaCl
particulates ranging between 90–150 𝜇m, 150–250 𝜇m, and
250–355 𝜇m were used as the porogen materials and the ratio
of polymer to NaCl particulates was 1 : 9. Figure 2 shows
the gross appearance of cylinder-shaped PLLA, PLGA, and
PCL sponges. The height of these cylinder-like sponges was
7 mm. All of the sponges showed cylinder-like shape and
were physically stable. The polymer type and the size of
the NaCl particulates did not affect the gross appearance
of the cylinder-shaped sponges. This method could be used
to prepare cylinder-shaped sponges of different synthetic
polymers by choosing the appropriate polymers.

The porous structures of the cylinder-shaped sponges
were investigated by SEM observation. The SEM images of
a horizontal cross-section, a vertical cross-section, and the
wall surface of cylinder-shaped PLLA sponges are shown
in Figure 3. All of these cylinder-shaped sponges were
highly porous with evenly distributed and interconnected
pore structures in the cross-sections (bulk pore structure).
The pore shapes shown in the cross-sections were similar to those of NaCl particulates. The pore size of the
cylinder-shaped PLLA sponges prepared with 90–150 𝜇m,
150–250 𝜇m, and 250–355 𝜇m NaCl particulates increased
with the size increase of the NaCl particulates. However,
pores on the wall surfaces were fewer and smaller than
those in the cross-sections. The inner wall surface and outer
wall surface of the cylinder-shaped PLLA sponge showed
the same pore structures.The less dense and smaller pore
structure on the wall surfaces might be due to the contact
effect between the NaCl particulates and the Teflon mold
when the mixture of polymer solution and NaCl particulates
was pressed into the Teflon mold. The angles of the cuboidallike NaCl particulates might contact the Teflon mold and
give more space for the polymer solution to fill the spaces
among the angles in contact with the Teflon mold. The
structures of the inner wall and the outer wall surfaces of
the cylinder-shaped sponges are expected to partially protect
from cell leakage during the cell seeding and cell culture. The
cylinder-shaped PLGA and PCL sponges showed similar pore
structures compared to that of the cylinder-shaped PLLA
sponges.
The mechanical properties of the cylinder-shaped PLLA,
PCL, and PLGA sponges were measured by a compression
test. The Young’s modulus of cylinder-shaped PLLA, PCL,
and PLGA sponges prepared with 150–250 𝜇m NaCl particulates and a ratio of polymer to NaCl of 1 : 9 changed
depending on the polymers used for the sponge preparation
(Figure 4(a)). The cylinder-shaped PLGA sponge showed the
highest Young’s modulus, and the PCL sponge showed the
lowest. PLLA is a crystalline polymer with high rigidity, while
PLGA is an amorphous polymer [21]. PCL is a semicrystalline
polymer and is in a rubbery state at room temperature
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Figure 6: SEM microphotographs of vertical cross-sections (a–d) of the cylinder-shaped PLLA sponges prepared with 150–250 𝜇m NaCl
particulates at the polymer/NaCl ratio of 1 : 4 (a), 1 : 5 (b), 1 : 6 (c) and 1 : 9 (d) and the change of porosity (e) and Young’s modulus (f) with the
polymer/NaCl ratio. The porosity data represent the average ± SD of three samples and the Young’s modulus data represent the mean ± SD
of six samples.

because of its low glass transition temperature [22]. The
viscoelastic property of PCL resulted in a low Young’s modulus. The rigid crystalline PLLA also showed a low Young’s
modulus. The amorphous PLGA showed the highest Young’s
modulus. The low Young’s modulus of cylinder-shaped PLGA
sponge might be due to the difficulty in homogenous filling
of PLLA/NaCl mixture in the space of Teflon mold because
of the high viscosity of PLLA solution.
The size of the NaCl particulates also showed some effect
on the Young’s modulus. The cylinder-shaped PLLA sponges
prepared with a ratio of polymer to NaCl of 1 : 9 and NaCl
particles of different sizes ranging between 90–150 𝜇m, 150–
250 𝜇m, and 250–355 𝜇m were compared (Figure 4(b)). The

cylinder-shaped PLLA sponge prepared with 150–250 𝜇m
NaCl particulates showed the highest mechanical strength,
suggesting that a cylinder-like PLLA sponge with pores
ranging between 150 and 250 𝜇m in size was architecturally
stronger and more appropriate for applications in tissue
engineering when high mechanical strength is necessary than
the other tested configurations. The NaCl particles with sizes
ranging between 150 and 250 𝜇m might be appropriately
packed and polymer matrix could appropriately fill the spaces
among the NaCl particles.
The effect of the height of the cylinder-shaped PLLA
sponge on the mechanical properties was investigated.
Cylinder-shaped PLLA sponges with different heights of 2,
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3, 4, 5, 6, and 7 mm were prepared and their mechanical
strengths were compared (Figure 5). The mechanical strength
decreased when the height of the cylinder-like PLLA sponge
increased.
The mechanical property and porosity of cylinder-shaped
PLLA sponges prepared with different ratio of PLLA to
NaCl particulates were compared. Six types of cylindershaped PLLA sponges were prepared with a weight ratio of
PLLA to NaCl particulates of 1 : 4, 1 : 5, 1 : 6, 1 : 7, 1 : 8, and
1 : 9. SEM microphotographs of the cross-sections of these
PLLA sponges showed that more pores were observed in the
cylinder-shaped PLLA sponge prepared with a higher weight
fraction of NaCl particulates (Figures 6(a)–6(d)). The porosity increased when the NaCl ratio increased (Figure 6(e)).
Young’s modulus decreased with the increase in NaCl fraction
(Figure 6(f)). A high ratio of NaCl particulates resulted in
high porosity and low mechanical strength.
Mechanically strong biodegradable synthetic polymers
have been hybridized with naturally derived biodegradable
polymers to construct hybrid porous scaffolds [15–19]. The
hybrid porous scaffolds combine the advantages of both
polymers and have been used for the tissue engineering
of various tissues, such as skin [23], cartilage [24, 25],
bone [26], ligament [27], bladder [19], and osteochondral
tissue [28]. Use of a cylinder-shaped skeleton can improve
the mechanical property and simultaneously increase the
porosity to provide more space for cell accommodation [20,
29]. The preparation of such cylinder-shaped skeleton is
important for the formation of the hybrid structure. In this
study, the effect of polymer type, pore size, and porosity on
the property of the cylinder-shaped skeleton was discussed.
PLLA, PLGA, and PCL can all be used to construct the
cylinder-shaped sponges, while their mechanical property
was dependent on the polymer type. Polymers should be
selected based on the requirements of the tissue engineering
application. The pore size, porosity, and cylinder height also
affected the mechanical properties. The mechanical properties can be tethered by choosing the appropriate pore size and
porosity and designing the dimension of the cylinder-shaped
skeletons.

4. Conclusions
Three biodegradable synthetic polymers, PLLA, PLGA, and
PCL, were used to prepare cylinder-shaped sponges using
a porogen leaching method and their properties were compared. The cylinder-shaped sponges showed a porous and
interconnected structure in their bulk parts, while they were
less porous with smaller pores on their surfaces. The pore
size and porosity could be controlled by the size and ratio
of the porogen materials. The pore size, porosity, and sponge
height showed some effect on the mechanical property of
the sponges. The mechanical property of the cylinder-shaped
sponges was also dependent on the polymer type. The PLGA
sponge showed the highest mechanical strength. Therefore,
the pore structure and mechanical property of the cylindershaped sponges could be controlled by choosing the appropriate polymers and designing the preparation conditions
according to the specific application in tissue engineering.
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Controlled and local release of growth factors and nutrients from porous scaffolds is important for maintenance of cell survival,
proliferation, and promotion of tissue regeneration. The purpose of the present research was to design a controlled release porous
collagen-microbead hybrid scaffold with controlled pore structure capable of releasing insulin for application to cartilage tissue
regeneration. Collagen-microbead hybrid scaffold was prepared by hybridization of insulin loaded PLGA microbeads with collagen
using a freeze-drying technique. The pore structure of the hybrid scaffold was controlled by using preprepared ice particulates
having a diameter range of 150–250 𝜇m. Hybrid scaffold had a controlled pore structure with pore size equivalent to ice particulates
and good interconnection. The microbeads showed an even spatial distribution throughout the pore walls. In vitro insulin release
profile from the hybrid scaffold exhibited a zero order release kinetics up to a period of 4 weeks without initial burst release. Culture
of bovine articular chondrocytes in the hybrid scaffold demonstrated high bioactivity of the released insulin. The hybrid scaffold
facilitated cell seeding and spatial cell distribution and promoted cell proliferation.

1. Introduction
Hyaline articular cartilage is composed of abundant chondrocytes and limited progenitor cells sparsely embedded in
nonvascular extracellular matrix (ECM). Articular cartilage
defects are very difficult to heal due to its limited ability of
self-repair and regeneration [1–3]. Such defects if untreated
may lead to the serious problem of osteoarthritis, a major
clinical problem around the world [4, 5]. Current treatment
methods for articular cartilage defects include abrasion
arthroplasty, subchondral drilling, osteochondral allografting, and periosteal or perichondral tissue grafting [6, 7].
However none of the treatment methods can reproduce the
exact characteristics of a hyaline cartilage for optimal healing
of the tissue defects. Therefore, cartilage tissue engineering
using porous scaffolds, chondrocytes or human mesenchymal
stem cells (hMSCs), and bioactive instructive cues has been

evolved as an alternative and promising approach to treat
cartilage defects [1–3, 6, 8].
Porous scaffolds prepared from biodegradable polymers
have been well studied for their ability to regenerate various
types of tissues such as skin, cartilage, and bone [9–14].
Collagen as a natural biomaterial and a component of native
extracellular matrix (ECM) is extensively investigated for
preparation of porous scaffolds for cartilage tissue engineering [10, 13, 15]. However weak mechanical strength of the
scaffolds prepared from collagen remains a major hurdle
behind the clinical application. Recently, we have developed
collagen porous scaffolds with controlled pore structures as
an ideal platform for cartilage tissue regeneration because of
its high porosity with good pore interconnection, excellent
control over the pore structure, and impressive biomechanical properties [15]. Large scaffolds are often needed for major
cartilage defects. Formation of necrotic cores due to nutrient
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depletion is another problem during in vitro cell culture
over these three-dimensional (3D) scaffolds. It is difficult
for nutrients and essential growth factors to diffuse inside
the complex porous network of the 3D construct for proper
nourishment of the inner cell mass leading to the formation
of necrotic cores [16, 17]. Growth factor and therapeutics are
widely employed for maintenance of cell viability, proliferation, and promotion of tissue regeneration [18, 19]. Controlled
and localized delivery of these factors has been addressed to
improve on site access to the cells in 3D microenvironment
[18–22]. Insulin administration has demonstrated its ability
to prolong the survival of chondrocytes and prevent the
formation of necrotic cores inside the 3D collagen hydrogel
construct [4, 17]. Furthermore insulin has its structural
similarity to IGF-1 and may bind to the IGF-1 receptor to elicit
similar effect on cartilage. This suggests that insulin can be
an appropriate and inexpensive alternative growth factor to
improve cartilage regeneration in 3D porous scaffolds [22].
Therefore development of suitable porous scaffold having
good mechanical strength and controlled release of bioactive
insulin for a prolonged duration is desirable for cartilage
tissue engineering. Controlled and prolonged delivery of the
insulin using PLGA microbeads prepared by water-in-oilin-water (w-o-w) double emulsification technique has been
demonstrated to be useful in cartilage tissue engineering
[22]. Entrapment of these biodegradable microbeads carrying
insulin within porous scaffolds of high mechanical strength
may generate appropriate scaffolds for cartilage tissue regeneration.
In this research, we have made an attempt to prepare
porous scaffolds with a controlled pore structure and controlled release of insulin as a bioactive 3D culture system for
cartilage tissue engineering. The porous scaffold was prepared
by spatial localization of insulin loaded PLGA microbeads
in a 3D collagen porous scaffold by using a freeze-drying
technique. Preprepared ice particulates having a diameter
range of 150–250 𝜇m were used to control the pore structure
of the scaffold. In vitro insulin release and degradation were
studied over 4-week period at 37∘ C under shaking condition.
Bovine articular chondrocytes were cultured in the hybrid
scaffold to investigate the effect of released insulin on cell
viability and proliferation.

2. Materials and Methods
2.1. Materials. PLGA (copolymer composition ratio of
50 : 50, weight average molecular weight of 20 kDa, and
inherent viscosity of 0.187 to 0.229 dL/g), methylene chloride
(CH2 Cl2 ), polyvinyl alcohol (86–90 mol% hydrolysis),
recombinant human insulin, hydrochloric acid (HCl),
sodium hydroxide (NaOH), absolute ethanol (99.5%),
N-hydroxysuccinimide esters (NHS), 25% glutaraldehyde
solution, and sodium dihydrogen phosphate (NaH2 PO4 )
were obtained from Wako Pure Chemicals Ltd., Japan.
L-cysteine hydrochloride monohydrate (minimum 98%),
ethylene diamine tetra acetic acid (EDTA), papain, DNA
quantification kit, Dulbecco’s Modified Eagle’s Medium
(DMEM), growth supplements, and antibiotics were
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obtained from Sigma-Aldrich, USA. Phosphate buffer saline
(10x, pH = 7.4) was obtained from Nacali Tesque Inc., Japan.
Porcine collagen type-1 was obtained from Nitta Gelatin,
Japan. 1-Ethyl-3-[3-dimethylaminopropyl] carbodiimide
hydrochloride (EDC/EDAC) was obtained from Peptide
Institute Inc., Japan. Cellstain Double Staining Kit was
obtained from Dojindo Laboratories, Japan. Micro BCA
protein assay Kit was obtained from Pierce Biotechnology,
USA. All the materials in this study were used as received
without further purification. Molecular biology grade milli-Q
water from millipore water system (Millipore Corporation,
USA) was used for preparation of all the solutions and
reagents.
2.2. Methods
2.2.1. Insulin Microencapsulation. Insulin was microencapsulated in PLGA microbeads using w-o-w double emulsion technique [22–24]. PLGA solution at concentration of
0.5 g mL−1 was prepared by dissolving PLGA in methylene
chloride. 50 𝜇L of insulin solution (insulin in 0.01 M HCl) at
a concentration of 20 mg mL−1 (w1 ) was dispersed in 1 mL of
PLGA (o) by homogenization at 8000 rpm for 1 minute. The
resulted emulsion was further reemulsified in 2 mL saturated
PVA (w2 ) prepared by mixing 1 : 1 (v/v) of 3% aqueous PVA
and methylene chloride. The reemulsification process was
carried out under high speed homogenization at 2000 rpm
for 10 minutes. The double emulsion was added dropwise
to 200 mL of 0.5% (w/v) PVA and stirred magnetically at
300 rpm in a hood for overnight to allow adequate solvent
evaporation. The hardened microbeads were recovered after
centrifugation (3500 rpm for 5 minutes). The microbeads
were washed with milli-Q water and freeze-dried for 48 hours
in a freeze drier (Vir Tis AdVantage Benchtop Freeze Dryer,
S P Industries Inc., Japan) below 5 kPa to obtain dried insulin
loaded PLGA microbeads.
2.2.2. Preparation of Collagen-Microbead Hybrid Porous Scaffold. The collagen-microbead hybrid porous scaffolds were
prepared by a freeze-drying method using preprepared ice
particulates of a diameter range of 150–250 𝜇m as porogen
material [15]. Ice particulates were prepared by spraying pure
water droplets into liquid N2 and stabilized at −15∘ C in a low
temperature chamber (WT-201, ESPEC Corp., Osaka, Japan).
The ice particulates of 150–250 𝜇m were selectively sieved
using two testing sieves having mesh pores of 150 and 250 𝜇m
(Tokyo screen co. ltd., Japan). Hybrid scaffold was prepared
from 2.0% (w/v) collagen aqueous solution with a ratio
of ice particulate to collagen as 50 : 50 (w/v). The collagen
aqueous solution (2.2% (w/v)) was prepared by dissolving
freeze-dried collagen in a mixture solution of acetic acid
(0.1 M, pH 3.0) and 10% ethanol. Dried insulin loaded PLGA
microbeads were dispersed in 10% ethanol to prepare a
suspension. The microbead suspension was sonicated for
1 minute in an ultrasonic water bath (Branson Ultrasonic
Corporation, USA) in order to ensure free dispersion of
microbeads. 2.2% (w/v) collagen aqueous solution was mixed
with the prepared microbead suspension at a ratio of 9 : 1 to
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prepare microbead dispersed collagen aqueous solution. The
manipulation was carried out at 4∘ C and the mixture solution
was stirred under magnetic stirring for 1-2 hour. The mixture
solution was transferred to a low temperature chamber
maintained at −5∘ C and stirred magnetically for 2 hours
for temperature balance. Ice particulates were added to the
collagen-microbead mixture solution and mixed thoroughly
to prepare a homogeneous ternary mixture of ice particulates,
collagen, and microbeads. The final mixture was molded in
a 5 mm thick silicone frame template. The mold was freezedried for 72 hours in a freeze drier. The freeze-dried scaffolds
were cross-linked in 50 mM EDC and 20 mM NHS in 90%
(v/v) ethanol for 24 hours at room temperature (RT). The
cross-linked scaffolds were washed with milli-Q water and
subjected to second freeze drying to prepare the final hybrid
scaffolds. Control collagen porous scaffold was also prepared
by using the similar procedure without the use of microbeads.
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ensured by shaking the plate in a microplate shaker for 30
seconds. The microplate was incubated at 37∘ C for 2 hours.
Following the incubation period, the plate was cooled at RT
and the absorbance was measured at 562 nm by a microplate
reader (Bio-Rad Laboratories, USA). The blank absorbance
was subtracted and the insulin concentration (𝜇g/mL) of
the unknown samples was measured by comparing with a
standard curve (𝑅2 = 0.998) obtained from BSA standards.
Total quantity of the incorporated insulin was calculated. The
LE was calculated using following equation [23]:
LE (%)
=[

Weight of the incorporated insulin
]
weight of total insulin used for incorporation

×100.
2.2.3. Scanning Electron Microscopy (SEM). The morphology
of insulin loaded microbeads and scaffold microstructure was
examined using a scanning electron microscope (SEM, JSM5610, JEOL Ltd., Tokyo, Japan). Freeze-dried microbeads
were dispersed over a carbon adhesive mounted over a copper
stub and were sputtered with a thin layer of platinum by
a sputter-coater (ESC-101, Elionix, Tokyo, Japan) for 500
seconds. The freeze-dried collagen scaffolds were cut into
cross-sections and mounted on a carbon adhesive over
the SEM stub. The cross-sections were sputter-coated with
platinum for 300 seconds. The microbeads and scaffold crosssections were observed at an acceleration potential of 5 kV
and 10 kV, respectively.
2.2.4. Microbead Size Analysis. 10 mg of freeze-dried
microbeads was suspended in 1 mL of milli-Q water and
sonicated for 30 seconds using an ultrasonic water bath.
The samples were analyzed for their average size as well
as size distribution profile using a laser diffraction particle
size analyzer (SALD 7000, Shimadzu Corporation, Japan).
The microbead size was measured for three batches of
formulation and the mean average was calculated as mean ±
standard deviation (𝑛 = 3).
2.2.5. Insulin Loading Efficiency (LE). The confirmation of
insulin loading as well as insulin quantification in microbeads
was carried out using Micro-BCA Protein Assay Kit. 10 mg
of dried insulin incorporated microbeads was dissolved in
1 mL of methylene chloride at RT. Insulin was extracted into
0.01 M HCl under vigorous shaking for 2 minutes in a high
speed vortex device (Vortex Genie, Fischer, Pittsburgh, PA)
at a setting of 10. The suspension was allowed to settle for
5 minutes at RT and supernatant aqueous phase containing
insulin was extracted. 150 𝜇L of the supernatant solution was
used for the insulin quantification. Briefly 150 𝜇L of albumin
(BSA) standard in duplicate, and individual samples in triplicate, was added to individual wells of a 96-well plate. 150 𝜇L of
assay working agent was added to each of the wells containing
standards as well as samples. The plate was covered with a
sealing tape and the mixing of the solutions in the wells was

(1)
2.2.6. Mechanical Strength: Compression Test. Compression
test was performed for evaluation of mechanical strength
of the prepared scaffolds. The control collagen scaffold and
collagen-microbead hybrid scaffold were cut into discs of
a dimension of Ø 6 mm × H 4 mm and compressed with
a texture analyzer (TA.XTPlus, Texture Technologies Corp.,
USA) at a rate of 0.1 mm/s. Young’s modulus was calculated
from the initial linear region of stress-strain relationship. The
data was expressed as mean ± SD (𝑛 = 4).
2.2.7. In Vitro Insulin Release and Microbead Degradation.
In vitro insulin release from microbeads and hybrid scaffold
was studied in PBS (pH = 7.4) at 37∘ C. 30 mg of microbeads
was added in 2 mL tubes. Control collagen and collagenmicrobead hybrid scaffolds were cut into discs of dimension
of Ø 10 mm × H 5 mm and placed in 50 mL tubes. 1.2 mL of
sterile PBS was added to the tubes containing microbead and
1 mL PBS was added to the tubes containing scaffolds. The
tubes were tightly capped and incubated in a shaking water
bath incubator (Taitec Corporation, Japan) at 37∘ C with a
shaking speed of 50 rpm. The scaffolds were degassed before
incubation to ensure the entry of PBS into the scaffold pores.
After predetermined time points of 1, 2, 4, 8, 12, 16, 20, 24,
and 28 days, the required volume of release medium (1 mL
from microbeads and 0.5 mL from scaffolds) was collected
and replaced with equivalent volume of fresh PBS. The insulin
amount in released medium was quantified by Micro BCA
protein assay and the cumulative release (%) was plotted
against time to obtain the release curve. The experiments were
performed in triplicate and data points in the curve were
presented as mean ± standard deviation. The microbeads and
scaffolds after 1-, 2-, and 4-week release period were collected
and washed with milli-Q. The microbeads and scaffolds
were freeze-dried. The freeze-dried samples were weighed for
determination of dry weight of remaining microbeads. The
remaining microbead weight (%) was plotted against the time
to obtain the weight loss profile. The freeze-dried microbeads
and cross-sections of scaffolds were observed under SEM.
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2.2.8. In Vitro Chondrocyte Culture. The control collagen
scaffolds and collagen-microbead hybrid scaffolds were used
for culture of bovine articular chondrocytes (BAC). The scaffolds were cut into discs of a dimension of Ø 6 mm × H 3 mm
and sterilized with 70% ethanol. The sterile scaffolds were
transferred to a clean bench, washed with PBS and incubated
with cell culture medium for 3 hours in a CO2 incubator
(Sanyo Corporation, Japan) equilibrated with 5% CO2 at
37∘ C. Bovine articular chondrocytes isolated from articular
cartilage from the knees of a 9-week-old female calf were
cultured in 75 cm2 tissue culture flasks in Dulbecco’s Modified
Eagle’s Medium (DMEM) containing 10% fetal bovine serum,
4500 mg/L glucose, 4 mM glutamine, 100 U/mL penicillin,
100 𝜇g/mL streptomycin, 0.1 mM nonessential amino acids,
0.4 mM proline, 1 mM sodium pyruvate, and 50 𝜇g/mL
ascorbic acid. The cells were harvested by treatment with
trypsin/EDTA solution after 80% confluence. Cells were
seeded in the scaffolds by dispensing 80 𝜇L of cell suspension
with 7.5 × 105 cells/scaffold. The cell-scaffold constructs were
incubated for 3 hours in a CO2 incubator to allow cell adhesion. Following cell adhesion, the cell-scaffold constructs
were transferred to new tissue culture plates and 10 mL cell
culture medium was added. The cells were cultured for 1 week.
Cell culture medium supplemented with 100 nM insulin was
added to the wells containing control collagen scaffold as
a positive control. Culture medium was changed twice a
week. Cell seeding efficiency in the scaffolds was evaluated
by counting the nonadhered cells using a hemocytometer as
following equation:
Cell seeding efficiency (%)
= [ (number of seeded cells
− number of nonadhered cells to the scaffold)
× (number of seeded cells)−1 ] × 100.
(2)
The cell-scaffold constructs after 3 hours and 1 week of
cell culture were fixed with 0.01% glutaraldehyde at RT. The
fixed constructs were washed with milli-Q, freeze-dried and
observed for cell adhesion and distribution using SEM.
Cell viability was evaluated by performing live-dead
staining assay using Cellstain Double Staining Kit. After 1
week of cell culture, cell-scaffold constructs were washed with
PBS and incubated in 2 𝜇M calcein-AM and 4 𝜇M propidium
iodide solution in cell culture medium for 10 minutes. The cell
seeding surface layer was cut and removed. The inner crosssection of specimen at approximate depth of 1 mm below the
seeding surface was observed for live and dead cells using a
fluorescence microscope (Olympus Corp., Japan).
The cell proliferation in the scaffolds was evaluated by
quantifying the DNA amount in cell-scaffold constructs after
1-, 3-, and 7-day culture period. At each time point, the cellscaffold constructs were collected, washed, and freeze-dried.
The freeze-dried cell-scaffold constructs were digested with
papain solution. Papain was dissolved at 400 𝜇g mL−1 in 0.1 M
phosphate buffer (pH = 6.0) prepared with sodium dihydrogen phosphate, L-cysteine hydrochloride monohydrate,

and ethylene diamine tetra acetic acid (EDTA). 500 𝜇L of
papain solution was added to each aliquot containing freezedried cell-scaffold construct. The aliquots were incubated in
a shaking incubator at 60∘ C with shaking speed of 150 rpm
(24 hours) for complete digestion. The digested samples were
used to measure the DNA content by using a standard curve
(𝑅2 = 0.999) prepared using calf thymus DNA standard and
fluorescence dye (Hoechst 33258). The fluorescence emission
was measured using FP-6500 spectrofluorometer (JASCO,
Japan) at an excitation wavelength of 360 nm and emission
wavelength of 460 nm. Four samples were used to calculate
the average and SD (𝑛 = 4).
2.2.9. Statistical Analysis. All data were expressed as the
mean ± standard deviation (SD). One-way analysis of variance was performed to reveal significant differences, followed
by Tukey’s post hoc test for pairwise comparison. Statistical
analysis was executed using Kyplot 2.0 beta 15. The difference
was considered significant when the 𝑃 value was less than
0.05.

3. Results and Discussion
3.1. Morphology, Size Distribution, and LE of Insulin Loaded
PLGA Microbeads. Human recombinant insulin was
microencapsulated in PLGA microbeads using a w-o-w
double emulsion technique. Figure 1 shows the morphology
and size distribution of the prepared microbeads. The
microbeads were of spherical morphology with smooth
surface without visible surface pores (Figure 1(a)). The
microbeads showed narrow particle size distribution
(Figure 1(b)). The mean diameter of the microbeads was 11.2
± 0.9 𝜇m as determined using a laser particle size analyzer.
The insulin LE of the microbeads was 67.3 ± 3.9%.
3.2. Scaffold Microstructure and Mechanical Strength. Porous
scaffolds with controlled pore structures were prepared
by using preprepared ice particulates as a porogen material. Figure 2 represents SEM microstructure of the control
collagen scaffolds and collagen-microbead hybrid porous
scaffolds. Figures 2(a) and 2(c) show the microstructure of
control collagen scaffolds and Figures 2(b) and 2(d) show the
microstructure of collagen-microbead hybrid scaffolds. All
the scaffolds prepared with ice particulates had controlled
pore structure and the large pores were replica of the ice
particulates used during fabrication process. The large pores
were connected to each other with interconnected small
holes. The interconnected pores could facilitate cell migration, nutrient diffusion, and metabolic waste removal. The
hybrid scaffolds exhibited a homogeneous spatial distribution
of microbeads throughout the pore walls of the scaffold. The
homogeneous and even distribution of microbeads could be
useful for maintaining a uniform spatial release of insulin
throughout the 3D microenvironment of hybrid scaffolds to
meet the onsite insulin demand for the cultured chondrocytes.
The mechanical strength of the scaffolds was determined using a compression test. Figure 3 represents Young’s
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Figure 2: SEM photomicrographs of control collagen scaffolds (a), (c) and collagen-microbead hybrid porous scaffolds (b), (d) at low (a), (b)
and high (c), (d) magnifications. Yellow arrows represent the integrated insulin loaded PLGA microbeads in porous collagen matrix.

modulus of the different scaffolds. The results indicated
the control and collagen-microbead hybrid scaffolds had
high mechanical strength, which was much higher than
previously reported collagen scaffolds prepared without ice
particulates [15]. Furthermore mechanical strength of hybrid
scaffold was not compromised after the introduction of PLGA
microbeads.

3.3. In Vitro Insulin Release and Microbead Degradation. In
vitro insulin release from microbeads and hybrid scaffold was
studied for 4 weeks and the release profiles are shown in
Figure 4. Figure 4(a) represents the cumulative release profile
for entire 4 weeks and Figure 4(b) represents the release
profile for a short time scale of 4 days. The release profile
from microbeads showed a usual trend of initial burst release
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of 33% in the first day. The initial burst release was followed
by a rise in cumulative insulin up to 3 weeks and a very slow
release phase during the 4th week. However the hybridization
of the microbeads in porous collagen scaffold avoided the
initial burst release and a zero order release kinetics was
achieved up to a period of 4 weeks. The suppression of
insulin release from hybrid scaffold could be due to delayed
induction of initial protein release from the microbeads
inside the porous scaffolds [25, 26]. The result indicated
entrapment of biodegradable microbeads containing insulin
inside porous collagen matrix should be an effective strategy
for long-term delivery of the insulin without initial burst
release.
Degradation of microbeads was studied using weight loss
profile (Figure 4(c)). The weight loss profile demonstrated a
quicker weight loss of microbeads in their free state compared
to scaffold integrated state. This indicated degradation of
microbeads was controlled after introduction to porous
collagen matrix and showed their presence till the end of 4
weeks (Figure 5). Therefore a more controlled degradation
of microbeads in collagen-microbead hybrid scaffolds could
lead to a better control over the release of insulin and should
sustain the release for a prolonged period.
3.4. Cell Adhesion, Viability, and Proliferation in Hybrid Scaffold. Control collagen and collagen-microbead hybrid scaffolds were cultured with bovine articular chondrocytes. All
the scaffolds were seeded with the cell suspension containing
the same number of chondrocytes. The seeding efficiencies
of control collagen and collagen-microbead hybrid scaffolds
were 87.1 ± 1.1% and 87.0 ± 1.4%. Both control and hybrid
scaffolds showed high cell seeding efficiencies. No significant
difference in the seeding efficiency was observed among the
scaffold groups indicating that microbead incorporation did
not cause any difference in seeding efficiency. Figures 6(a)–
6(d) present the SEM photomicrographs of cell adhesion and
distribution at the inner cross sections of the scaffolds after 3
hours of culture. The cells adhered to the surface of the pore

walls. Homogeneous cell distribution was observed at the
entire inner cross-sections of the scaffolds, which indicated
that the interconnected pore structure facilitated the cells
to reach the inner pores in the scaffolds. Cells from the
seeding surface could migrate into the inner bulk pores via
interconnected pore structures and distributed in the entire
scaffold. Figures 6(e)–6(h) show the SEM photomicrographs
of inner cross-sections of the porous scaffolds after 1 week
of cell culture. More cells were observed indicating cell
proliferation in the scaffolds.
Figure 7 represents cell viability at the inner crosssections of different scaffolds after 1 week of cell culture.
Fluorescence from the migrated cells was observed at an
approximate depth of 1 mm below the seeding surface. Green
fluorescence represents the live cells and red fluorescence
dots indicate the dead cells. More dead cells were detected
in control collagen scaffold without insulin supplement
compared to collagen scaffolds supplemented with 100 nM
external insulin and collagen-microbead hybrid scaffolds.
This indicated insulin had some effect on maintenance of
chondrocyte viability. Furthermore very few or no dead cells
were detected from the collagen-microbead hybrid scaffolds.
This might be due to the sustainable local concentration of
released insulin from the hybrid scaffolds.
Figure 8 shows the cell proliferation of different scaffolds.
All the scaffolds showed an increased DNA amount during 7day culture period. A significant difference in the cell number
among the scaffold groups was noticed after 3 and 7 days of
culture. Cell proliferation in the scaffolds showed an increase
order of collagen control scaffold without insulin < control
collagen scaffold with 100 nM external insulin supplement <
hybrid scaffold. This result suggested that insulin promoted
chondrocyte proliferation. The insulin released from the
spatially located microbeads in the hybrid scaffolds might
have met the local insulin demand for the chondrocytes for
their survival and usual proliferation. However due to extensive cell proliferation with time, the diffusion of bioactive
insulin from cell culture medium might not be sufficient to
nourish the interior cells of the scaffold supplemented with
external insulin. This suggested the unavailability or limited
availability of insulin to the cells inside the control scaffolds
might be the reason for low cell viability and proliferation.
The study depicted a controlled release approach to
promote cell proliferation in 3D porous collagen for cartilage
tissue engineering. Owing to the importance of collagen
porous scaffolds of controlled pore structure and improved
mechanical strength in cartilage tissue regeneration, controlled release function via biodegradable microbeads was
additionally introduced in order to improve the regeneration
potential of the prepared scaffold. The present approach
suggested the possibility to use other bioactive growth factors
as nutrients for cell survival in large and thick 3D porous
scaffolds for tissue engineering and regenerative medicine.

4. Conclusion
A controlled release porous collagen-microbead hybrid scaffold having a controlled pore structure was prepared by
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arrows represent the degraded insulin loaded PLGA microbeads in porous collagen matrix.

introduction of insulin loaded PLGA microbeads into porous
collagen sponge formed with preprepared ice particulates.
The collagen-microbead hybrid scaffold demonstrated a high
mechanical strength and a stable release of insulin for 4
weeks. The released insulin demonstrated its effect on cultured chondrocytes for their survival and proliferation. The
bioactive hybrid scaffold should be useful for maintenance

of prolonged survival and proliferation of cultured chondrocytes for application to cartilage tissue engineering.
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We synthesized series of amphiphilic AB-type block copolymers having systematic variation in the core-forming segments using
poly(lactide-co-depsipeptide)s as a hydrophobic segment and prepared polymeric micelles using the block copolymers, PEG-bpoly(lactide-co-depsipeptide). We then discussed the relationship between the core-forming segment structure and drug loading
efficiency for the polymeric micelles. PEG-b-poly(lactide-co-depsipeptide)s, PEG-b-PLGL containing l-leucine (Leu), and PEGb-PLGF containing l-phenylalanine (Phe), with similar molecular weights and various mole fractions of depsipeptide units, were
synthesized. Polymeric micelles entrapping model drug (fluorescein, FL) were prepared using these copolymers. As a result, PEGb-poly(lactide-co-depsipeptide) micelles showed higher drug loading compared with PEG-b-PLLA and PEG-b-PDLLA as controls.
The drug loading increased with increase in the mole fraction of depsipeptide unit in the hydrophobic segments. The introduction
of aliphatic and aromatic depsipeptide units was effective to achieve higher FL loading into the micelles. PEG-b-PLGL micelle
showed higher drug loading than PEG-b-PLGF micelle when the amount of FL in feed was high. These results obtained in this
study should be useful for strategic design of polymeric micelle-type drug delivery carrier with high drug loading efficiency.

1. Introduction
Polymeric micelles have attracted much attention in the
last two decades as multifunctional nanotechnology-based
drug delivery vehicles especially for poorly water-soluble
drugs [1–5]. Typically, polymeric micelles are formed by selfaggregation of amphiphilic AB-type diblock copolymers with
hydrophobic and hydrophilic segments consisting of inside
core and outside shell, respectively. The inner hydrophobic core of a polymeric micelle has a large capacity to
accommodate hydrophobic drugs [6], while the hydrophilic
shell allows retaining colloidal stability of the polymeric
micelle in an aqueous environment [7]. The polymeric
micelles are less prone to dissociate even at low concentrations and thus can maintain their micellar structures

that facilitate prolonged circulation in the bloodstream
by escaping from renal clearance and reticuloendothelial
system [8]. The hydrophobic core generally consists of a
biodegradable polymer such as poly(𝛽-benzyl-l-aspartate)
(PBLA) [9], poly(dl-lactide) (PDLLA) [10], and poly(𝜀caprolactone) (PCL) [11]. A water-soluble polymer may also
be used as core-forming segment to render hydrophobicity
by the chemical conjugation of a hydrophobic drug [12–
14] or polyion complex formation through the association
of two oppositely charged polyelectrolytes (polyion complex
micelles) [15–17]. Polymeric micelle having hydrophobic core
can physically entrap hydrophobic drugs such as doxorubicin
(DOX), an anticancer drug, and be used as a carrier to
deliver the drugs to a desired site. However, it is not easy
to achieve high drug loading and/or entrapment efficiency
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Figure 1: The factors which influence the drug loading efficiency for the polymeric micelle physically entrapping drugs.

when the combination of drug and core-forming polymer
is not ideal. In fact, some researchers reported the difficulty
of physical entrapment of DOX into polymeric micelles [18–
22]. To achieve efficient drug delivery to a desired site and to
reduce the dose, side effects, and total cost of the formulation,
drug loading efficiency is desired to be high enough. The
drug loading efficiency strongly depends on solubility of the
drug in water (hydrophilicity/hydrophobicity), the preparation method as well as the interaction between the drug
and micelle core-forming segment (e.g., hydrogen bonding,
hydrophobic interaction, 𝜋-𝜋 stacking interaction, dipoledipole interaction, electrostatic interaction, etc.), and the
physical properties of core-forming segment (crystallinity,
glass transition temperature, etc.) (Figure 1). However, no
systematic study on the relationship between drug loading
efficiency and core-forming polymer structure has been
carried out.
Polydepsipeptides are copolymers of amino acids and
hydroxyl acids and possess degradability of polyesters and
functionality of polypeptides. Previously, we reported the
synthesis of biodegradable copolymers of lactide and depsipeptide, poly(lactide-co-depsipeptide), with reactive sidechain groups such as COOH, NH2 , OH, and SH by ringopening copolymerization of lactide with cyclodepsipeptides
consisting of the corresponding amino acids and glycolic
acid (Glc) [23–26]. Using poly(lactide-co-depsipeptide)s we
can easily prepare biodegradable copolymers having various
properties (hydrophilicity, hydrophobicity, crystallinity, reactivity, electronegativity or -positivity, etc.). So, polydepsipeptide copolymer is one of the most convenient materials for
the studies in which systematic variation of the biodegradable
polymer properties is needed.
In this study, we synthesized various biodegradable
amphiphilic AB-type diblock copolymers of poly(ethylene
glycol) (PEG) and poly(lactide-co-depsipeptide) containing
different amino acids as a hydrophilic segment and a hydrophobic segment, respectively, for preparation of poly-meric
micelles. We investigated the relationship between the
polymer structure and the entrapment behavior of model
drugs into the polymeric micelles to optimize the structures

of hydrophobic core of the polymeric micelles as drug
carriers. We chose l-leucine (Leu) and l-phenylalanine
(Phe) as hydrophobic amino acids. PEG-b-poly(lactideco-depsipeptide)s were synthesized by ring-opening
copolymerization of lactide (LA) with cyclodepsipeptides,
cyclo(Glc-Leu), or cyclo(Glc-Phe) using MeO-PEG as a
macroinitiator to give PEG-b-poly[LA-co-(Glc-Leu)] (PEGb-PLGL) and PEG-b-poly[LA-co-(Glc-Phe)] (PEG-b-PLGF).
AB-type diblock copolymers of PEG with poly(l-lactide)
or poly(dl-lactide), PEG-b-PLLA or PEG-b-PDLLA, were
also synthesized and used as controls. Fluorescein (FL),
4-aminofluorescein (AF), pyrene (PY), and DOX were
chosen as model drugs. The structures of these drug model
compounds are shown in Supporting Information (see
Figure S1 in Supplementary Material available online at
http://dx.doi.org/10.1155/2014/579212). Using these copolymers and model drugs, polymeric micelles entrapping the
model drugs were prepared by solvent evaporation method.
The relationship between the polymer structure, the drug
loading, and entrapment efficiency of drugs were then
investigated.

2. Experimental Section
2.1. Materials. Monomethoxy-poly(ethylene glycol) (Mn =
5,000 Da) (MeO-PEG) was purchased from Fluka. Tin 2ethylhexanoate, PY, and DOX were purchased from Wako
Pure Chemical Ind., Ltd. FL and AF were purchased from
Tokyo Chemical Industry Co., LTD. Lactides (l- and d,lisomers) were purchased from Musashino Chemical Laboratory, Ltd. (Tokyo, Japan) and used without further treatment.
Organic solvents were purified by usual distillation. Other
reagents were of commercial grades and used without further
purification.
2.2. Measurements. 1 H NMR spectra were recorded on a
JNM-GSX-400 (JEOL, 400 MHz) nuclear magnetic resonance instrument using deuterated chloroform (CDCl3 ) as
solvent. The chemical shifts were calibrated against TMS
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and solvent signal of CDCl3 . The degree of polymerization
of lactide and depsipeptide units in hydrophobic segment
of the copolymers was calculated based on integral ratios
in the 1 H NMR spectra of PEG-b-PLGL and PEG-b-PLGF.
The number average molecular weight (Mn) and polydispersity index (Mw/Mn) for PEG-b-PLGL and PEG-b-PLGF
were determined by size exclusion chromatography (SEC)
(column: TSKgel Multipore HXLM × 2; detector: refractive
index) using DMF as an eluent at a flow rate of 1.0 mL/min
at 40∘ C and a series of PEG as standards. Calorimetric
analysis was carried out by differential scanning calorimetry
(DSC) (Shimadzu DSC-60). The hydrodynamic diameter of
micelles was measured by dynamic light scattering (DLS)
(Malvern Instruments Ltd. Zetasizer nano Z ZEN 2600).
The amounts of encapsulated drug molecules in the micelles
were determined by UV-vis absorption spectra in KCl/NaOH
solution (for FL and AF) or DMSO (for PY and DOX) using
a spectrophotometer (Shimadzu UV-2400PC).

2.3. Synthesis of PEG-b-Poly(LA-co-depsipeptide) Copolymers.
A series of PEG-b-poly(LA-co-depsipeptide) copolymers was
synthesized through bulk ring-opening copolymerization of
l-LA with cyclo(Glc-Leu) or cyclo(Glc-Phe) using tin 2ethylhexanoate as a catalyst according to the same method
reported previously [23] as shown in Scheme 1. Typical
example for PEG-b-PLGL is as follows. Under a nitrogen
atmosphere, MeO-PEG (400 mg, 80.0 𝜇mol), l-LA (277 mg,
1.90 mmol), and cyclo(Glc-Leu) (329 mg, 1.90 mmol) were
placed into a glass tube, followed by the addition of a
freshly prepared solution of tin 2-ethylhexanoate (1.60 mg,
3.80 𝜇mol) in anhydrous THF in a glove box. The solvent
was removed under vacuum overnight. The tube was then
purged with argon and sealed in vacuo. The sealed tube
was placed in an oil bath at 160∘ C for 2 min and then
at 135∘ C for 24 h. The purification of the reaction mixture
was performed by the reprecipitation three times using
chloroform as a solvent and diethyl ether as a nonsolvent.
The obtained precipitate was dried under vacuum overnight
to give PEG-b-PLGL copolymer with 49% mole fraction
of Glc-Leu unit in the PLGL segments (code: b-PLGL49 )
(yield: 86%). 1 H NMR (400 MHz, CDCl3 ): 𝛿 = 0.75–1.06

(br, CH2 CH(CH3 )2 ), 1.45–1.63 (m, COCH(O)CH3 ), 1.63–
1.83 (br, CHCH2 CH and CH2 CH(CH3 )2 ), 3.38 (s, CH3 O),
3.52–3.80 (m, CH3 O(CH2 CH2 O)𝑚 CH2 CH2 ), 4.06–4.91 (br,
OCH2 CH2 OCO, COCH(CH2 )NH and NHCOCH2 O), 5.01–
5.26 (m, OCOCH(CH3 )O).
PEG-b-PLGF with 49% mole fraction of Glc-Phe unit
in the PLGF segments (code: b-PLGF49 ) was synthesized
by the same method described above using cyclo(GlcPhe) instead of cyclo(Glc-Leu) (yield = 76%). 1 H NMR
(400 MHz, CDCl3 ): 𝛿 = 1.41–1.66 (m, COCH(O)CH3 ),
3.00–3.35 (m, CHCH2 C), 3.38 (s, CH3 O), 3.43–3.75 (m,
CH3 O(CH2 CH2 O)𝑚 CH2 CH2 ), 4.16–4.97 (br, OCH2
CH2 OCO, COCH(CH2 )NH and NHCOCH2 O), 4.98–5.28
(m, OCOCH(CH3 )O), 7.05–7.40 (br, C6 H5 ).
Other PEG-b-PLGL and PEG-b-PLGF copolymers (code:
b-PLGLx and b-PLGFx ) with various mole fraction of depsipeptide unit (x) were also synthesized by changing feed ratio
of cyclodepsipeptide, cyclo(Glc-Leu), or cyclo(Glc-Phe) to lLA. The feeding amounts and the results of the synthesis were
described in supporting information.

2.4. Preparation of Drug-Loaded Micelles. Drug-loaded micelles were prepared by a solvent evaporation method. Briefly,
a given amount of the copolymer and model drug was
dissolved in THF (2 mL) in a glass vial at room temperature.
Then, the polymer/drug mixture solution was added dropwise into 10 mL of deionized water under vigorous stirring.
After stirring, THF was completely removed under reduced
pressure with a rotary evaporator at room temperature to give
aqueous micelle solution. To remove insoluble part of drugs,
centrifugation (14,000 rpm, 15 min, 2 times) and filtration
were carried out. Then, the solution was lyophilized to give
powdery drug-loaded micelle.

2.5. Characterization of Micelles. Hydrodynamic diameters
of micelles were measured by DLS before lyophilization.
The amount of drugs was calculated by measurement of
the absorbance of drugs using Shimadzu UV-2400PC spectrophotometer. 𝜆 max for FL, AF, PY, and DOX were 491, 488,
338 and 485 nm, respectively. Polymer recovery (PR), drug
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Table 1: Results of characterization of copolymers.

Code
b-PLLA
b-PDLLA
b-PLGL20
b-PLGL37
b-PLGL49
b-PLGL59
b-PLGL75
b-PLGF24
b-PLGF49
b-PLGF73

Mn (×10−4 )
1.15
1.15
1.09
1.13
1.11
1.24
1.17
1.06
1.11
1.10

w [mol%]
—
—
20
40
50
60
75
24
50
68
a

Mnc (×10−4 )
0.90
0.81
0.92
1.03
0.90
1.11
1.02
0.91
0.91
0.89

b

Mw/Mnc
1.27
1.29
1.35
1.35
1.38
1.42
1.39
1.38
1.38
1.42

xb,e [mol%]
—
—
20
37
49
59
75
24
49
73

DPb,d
45
45
40
40
39
46
41
34
35
32

𝑋𝑐 f [%]
35
—
0
0
0
0
0
0
0
0

a

Mole fraction of depsipeptide units in feed. b Estimated by 1 H NMR (solvent: CDCl3 ). c Estimated by SEC (eluent: DMF; standard: PEG). d Degree of
polymerization of sum of lactide and depsipeptide units. e x: mole fraction of depsipeptide units in a hydrophobic segment of diblock copolymers. f 𝑋𝑐 :
crystallinity determined by differential scanning calorimetry (DSC). 𝑋𝑐 = (Δ𝐻𝑚 + Δ𝐻𝑐 )/Δ𝐻𝑚, theory (Δ𝐻𝑚, theory = −93.7 J/g).
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Figure 2: 1 H NMR spectra of (a) PEG-b-PLGL (b-PLGL49 ) and (b) PEG-b-PLGF (b-PLGF49 ) in CDCl3 .

loading (DL), entrapment efficiency (EE), and drug recovery
(DR) were calculated by the following equations:
PR (%) =

(polymer found)
(w/w) × 100,
(polymer in feed)

DL (%) =
EE (%) =

(drug found)
(w/w) × 100,
(micelle found)

[(drug found) / (micelle found)] (w/w)
×100,
[(drug in feed) / (micelle in feed)] (w/w)
DR (%) =

(drug found)
(w/w) × 100.
(drug in feed)
(1)

3. Results and Discussion
3.1. Synthesis of PEG-b-Poly(LA-co-depsipeptide) Copolymers.
PEG-b-poly(LA-co-depsipeptide) copolymers with various
mole fraction of depsipeptide units and similar molecular
weights were successfully synthesized. The structures of the
copolymers were characterized by 1 H NMR spectroscopy
in CDCl3 (Figure 2). The spectrum was given as a simple

integration of MeO-PEG and PLGL or PLGF. Figure 3 shows
the results of SEC for PEG-b-PLLA, PEG-b-PDLLA, PEGb-PLGL, and PEG-b-PLGF, and all of the obtained block
copolymers showed unimodal molecular weight distribution.
The number average molecular weight (Mn) estimated from
1
H NMR spectra and SEC, degree of polymerization of each
hydrophobic segment, mole fraction of depsipeptide unit in
each poly (LA-co-depsipeptide) segment, and crystallinity
estimated by DSC were summarized in Table 1. We use
sample codes b-PLLA, b-PDLLA, b-PLGLx , and b-PLGFx
for PEG-b-PLLA, PEG-b-PDLLA, PEG-b-PLGL, and PEGb-PLGF, respectively, and the subscript numbers (x) in the
codes for b-PLGLx and b-PLGFx mean the mole fraction of
depsipeptide units. Mn values for all copolymers estimated
from 1 H NMR spectra were around 1.1 × 104 Da, and these
values showed relatively good consistency with the results
obtained from SEC measurements. The mole fraction of
depsipeptide units in each hydrophobic segment (x) was
calculated from integration ratio of methine groups of lLA to methyl groups of Leu or methylene groups of Phe.
The crystallinity of hydrophobic segment of copolymers was
estimated from a fusion enthalpy measured by DSC. All of
PEG-b-PLGL and PEG-b-PLGF copolymers did not show
fusion enthalpy, indicating that the hydrophobic segments in
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Figure 3: Size exclusion chromatograms of (a) PEG-b-PLLA, (b)
PEG-b-PDLLA, (c) PEG-b-PLGL (b-PLGL49 ), and (d) PEG-bPLGF49 (b-PLGF49 ).

these copolymers were amorphous. On the other hand, PEGb-PLLA showed a fusion enthalpy peak, and the crystallinity
of PLLA segment was calculated to be ca. 35%.
3.2. Effects of Copolymer Structures on Drug Loading into
Micelles. To discuss the relationship between copolymer
structures and drug loading behavior, we selected FL, nonionic aromatic fluorophore having hydroxyl groups and cyclic
ester group, as a model drug and prepared FL-loaded micelles
using various block copolymers with various amount of FL
in feed. The results are summarized in Table 2. In Table 2,
each polymeric micelle was expressed by code such as bPLGLx (Y), where Y means the amount of model drug in
feed (wt% to polymer). As a trend, yields of micelles, drug
recovery (DR), and polymer recovery (PR) were decreased
with increase in FL in feed. Presumably, much amount of
FL inhibits the formation of micelle and the copolymers
precipitated together with unloaded FL: coprecipitation of the
copolymer and FL occurred. Before discussing the influence
of polymer structures on the drug loading behavior, to
estimate the effect of crystallinity of hydrophobic segment,
the results for semicrystalline b-PLLA and amorphous bPDLLA were discussed. Figure 4 shows the relationship of
DL, DR, and hydrodynamic diameter with FL in feed for
b-PLLA and b-PDLLA micelles. When the amount of FL
in feed was below 25 wt%, DL for b-PLLA and b-PDLLA
micelles was almost the same and increased with increase
in the amounts of FL in feed. However, the DL for b-PLLA
micelle was slightly decreased with increase in the amounts
of FL in feed where the amounts of FL in feed were more
than 30 wt%. In this condition, b-PDLLA micelles showed
higher DL than b-PLLA micelle. These results suggest that
amorphous state of hydrophobic segments in the core of
polymeric micelle is suitable to entrap FL molecules at the
high range of feed amount. But the crystallinity does not

have significant influence on the drug loading when the
feed amount of FL is below 25%. In addition, increase in
hydrodynamic diameter of micelles was observed with the
increase in feed amount of FL.
The results for b-PLGL and b-PLGF micelles were then
compared to discuss the effect of side-chain structures of
the core-forming segment. Figure 5 shows the results for bPLGL49 and b-PLGF49 micelles as typical examples. Both
of b-PLGL and b-PLGF micelles showed similar tendency
and higher DL values compared with b-PLLA and b-PDLLA
micelles. DL increased with increase in the amount of FL
in feed until the feed amount was 35 wt%, but decreased at
the high feed amount of FL (40%). b-PLGL micelle showed
slightly higher DL value compared with b-PLGF micelle.
To discuss the effect of side-chain structure of coreforming segment in detail, the dependence of DL and
hydrodynamic diameter on the mole fraction of depsipeptide
units for b-PLGL and b-PLGF micelles was summarized
in Figure 6. In Figures 6(a), 6(b), and 6(c), the plots at
which mole ratio for depsipeptide units is 0% mean the
results of b-PLLA micelles, and the results of b-PDLLA
micelles were shown as open triangles. b-PLGL and b-PLGF
micelles showed higher DL compared with b-PLLA and bPDLLA micelles at the ranges of the amount of FL feed (30–
40 wt%). In addition to the decrease in crystallinity of the
hydrophobic segments, the introductions of aliphatic (Leu)
and aromatic (Phe) side chains had positive influence on DL
of the micelles. Additionally, the presence of amino bonds
might have some positive influence on the drug loading
behavior for these micelles. In Figure 6(a) (the amount of
FL in feed = 25 wt%), the DL for b-PLGL micelles increased
with increase in the mole fraction of depsipeptide units until
they reached 49%, but plateaued where the mole fraction of
depsipeptide units was over 50%. In Figures 6(b) and 6(c)
(the amounts of FL in feed = 30 and 35 wt%) showed similar
trend for DL versus mole fraction of depsipeptide units. bPLGF micelles showed a similar tendency in the relationship
of DL and mole fraction of depsipeptide units as b-PLGL
micelles showed. Interestingly, the maximum DL values in
each figure for b-PLGL micelles were higher than those
for b-PLGF micelles. Before the experiments, we presumed
that b-PLGF with aromatic side chains would show higher
DL value than aliphatic b-PLGL because of 𝜋-𝜋 stacking
interaction of benzyl groups of PLGF segment and aromatic
FL molecules. But the results were reverse. The reason has
not been explained. Based on these results, the miscibility
of FL with PLGL segments is higher than PLGF. Flexibility
and segmental dynamics of PLGL in the micelle core can
presumably be favorable to uptake larger amounts of FL
molecules compared with PLGF having aromatic side chains.
Finally, we discussed the combination of core-forming
segment and drugs (Table 3). AF was chosen to discuss the
effect of polar (amino) group on DL for the micelles. As
a result, DL values of AF for all polymeric micelles tested
were significantly smaller than those of FL. But the DL values
of AF for b-PLGL and b-PLGF micelles were larger than
those for b-PLLA and b-PDLLA micelles, showing similar
trends as the cases of FL. These results mean that small
difference in drug molecule structure has great influence
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Table 2: Results of preparation of fluorescein-loaded polymeric micelles.
Fluorescein in
feed [wt%]

Yield
mg (%)

PR [%]

DL [%]

EE [%]

DR [%]

b-PLLA(0)
b-PLLA(10)
b-PLLA(15)
b-PLLA(20)
b-PLLA(25)
b-PLLA(30)
b-PLLA(35)

0
10
15
20
25
30
35

21.0 (84)
16.7 (60)
16.0 (54)
14.4 (46)
12.1 (36)
7.0 (20)
1.6 (4)

84
60
55
48
40
23
5

0.0
10.4
13.5
16.9
17.9
16.6
14.5

—
104
90
85
72
60
41

—
63
49
39
26
11
1.7

b-PDLLA(0)
b-PDLLA(10)
b-PDLLA(15)
b-PDLLA(20)
b-PDLLA(25)
b-PDLLA(30)
b-PDLLA(35)

0
10
15
20
25
30
35

22.3 (89)
22.3 (80)
20.0 (68)
21.2 (68)
16.9 (51)
13.8 (39)
2.7 (7)

89
79
69
71
56
44
9

0.0
11.6
13.9
16.3
17.8
20.0
19.9

—
116
92
82
71
67
57

—
93
63
55
36
26
4.0

b-PLGL20 (0)
b-PLGL20 (25)
b-PLGL20 (30)
b-PLGL20 (35)
b-PLGL20 (40)

0
25
30
35
40

22.0 (89)
24.9 (75)
23.1 (65)
12.9 (34)
5.2 (12)

89
78
72
41
16

0.0
21.7
21.7
20.2
22.0

—
87
72
58
55

—
65
47
19
6.9

b-PLGL37 (0)
b-PLGL37 (25)
b-PLGL37 (30)
b-PLGL37 (35)
b-PLGL37 (40)

0
25
30
35
40

20.4 (82)
26.8 (80)
29.7 (83)
18.9 (49)
6.6 (16)

82
83
86
56
20

0.0
22.4
27.8
25.3
25.6

—
90
93
72
64

—
72
77
36
10

b-PLGL49 (0)
b-PLGL49 (25)
b-PLGL49 (30)
b-PLGL49 (35)
b-PLGL49 (40)

0
25
30
35
40

20.7 (83)
27.6 (83)
25.8 (72)
19.5 (51)
9.0 (22)

83
82
73
55
27

0.0
25.5
29.0
29.2
24.1

—
102
97
83
60

—
85
70
42
13

b-PLGL59 (0)
b-PLGL59 (25)
b-PLGL59 (30)
b-PLGL59 (35)
b-PLGL59 (40)

0
25
30
35
40

22.6 (90)
26.5 (80)
28.1 (79)
19.8 (51)
7.1 (17)

90
81
81
56
20

0.0
24.0
27.7
29.0
29.6

—
96
92
83
74

—
76
73
43
12.6

b-PLGL75 (0)
b-PLGL75 (25)
b-PLGL75 (30)
b-PLGL75 (35)
b-PLGL75 (40)

0
25
30
35
40

22.8 (91)
26.9 (81)
25.7 (72)
19.2 (50)
11.1 (27)

91
81
72
55
32

0.0
24.8
29.6
28.9
28.5

—
99
99
83
71

—
80
71
41
19

b-PLGF24 (0)
b-PLGF24 (24)
b-PLGF24 (30)
b-PLGF24 (35)
b-PLGF24 (40)

0
25
30
35
40

23.0 (92)
22.9 (69)
22.3 (62)
12.7 (33)
8.8 (21)

92
73
68
39
27

0.0
20.6
23.7
24.1
22.0

—
82
79
68
55

—
57
49
23
12

Code
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Table 2: Continued.

Fluorescein in
feed [wt%]

Yield
mg (%)

PR [%]

DL [%]

EE [%]

DR [%]

b-PLGF49 (0)
b-PLGF49 (25)
b-PLGF49 (30)
b-PLGF49 (35)
b-PLGF49 (40)

0
25
30
35
40

20.8 (83)
26.4 (79)
22.8 (64)
11.0 (29)
4.6 (11)

83
82
69
32
14

0.0
22.8
24.6
26.2
22.4

—
91
82
75
56

—
72
52
21
6.2

b-PLGF73 (0)
b-PLGF73 (25)
b-PLGF73 (30)
b-PLGF73 (35)
b-PLGF73 (40)

0
25
30
35
40

22.3 (89)
23.4 (70)
18.6 (52)
13.4 (35)
6.4 (15)

89
71
56
40
18

0.0
23.6
24.1
25.4
28.4

—
95
80
72
71

—
66
42
25
11

Code

PR (%) = (polymer found)/( polymer in feed) (w/w) × 100.
DL (%) = (drug found)/(micelle found) (w/w) × 100.
EE (%) = [(drug found)/(micelle found)]/[(drug in feed)/(micelle in feed)] (w/w) × 100.
DR (%) = (drug found)/(drug in feed) (w/w) × 100.

Table 3: Characterization of micelles versus drugs in 30% feed.
Druga
Fluorescein
4-Aminofluorescein
Pyrene
Doxorubicin

b-PLLA
16.6
3.0
0.5
30.3

Drug loading (DL) (wt%)
b-PDLLA
b-PLGL49
20.0
29.0
4.7
7.3
0.6
0.6
28.6
29.7

b-PLGF49
26.2
7.2
0.7
29.8

DL (%) = (drug found)/(micelle found) (w/w) × 100.
a
The amount of drug in feed = 30 wt%.

on the drug loading into the micelles. Probably relatively
high water solubility of AF had critical influence on the
entrapment behavior of the model drug into the micelles. On
the other hand, PY and DOX gave contrastive results. Both of
PY and DOX are hydrophobic poorly water-soluble aromatic
compounds, but DOX has polar hydroxyl and amino groups.
PY consisting only of aromatic ring was hardly loaded into
all micelles tested, and the DL values were around 0.6%.
However, the PR of the PY-loaded micelles was relatively high
(78–87%) indicating similar trends observed for AF. On the
other hand, DOX showed high level DL values (around 30%)
and high PR (83–89%) for all of the micelles tested. Although
DL of FL into b-PLGL and b-PLGF micelles were higher than
those into b-PLLA and b-PDLLA micelles, the DL values of
DOX for all of the micelles were not significantly different.
These all results mean that the combination of core-forming
polymer and drugs has critical influence on the drug loading
behavior into polymeric micelles.

4. Conclusions
In this study, we discussed the relationship between the
structure of core-forming segment and the structure of
drugs to optimize the biodegradable AB-type amphiphilic
block copolymer for polymeric micelle-type drug delivery

carriers. Using PEG-b-poly(LA-co-depsipeptide), the systematic variation of core-forming (hydrophobic) segments
could be provided. PEG-b-PLGL and PEG-b-PLGF with
the similar molecular weights and various mole fractions
of depsipeptide units were synthesized and used for the
preparation of polymeric micelles entrapping model drug
(FL). The yields of micelles and a DR were decreased with
the increase in the amounts of FL in feed. From the results
for PEG-b-PLLA and PEG-b-PDLLA, noncrystallinity of the
hydrophobic segments was suitable to load the FL where
the amount of FL in feed was high. Both of PEG-b-PLGL
micelle with aliphatic (Leu) side-chain groups and PEG-bPLGF micelle with aromatic (Phe) side-chain groups showed
higher DL values compared with PEG-b-PDLLA micelles.
The introduction of aliphatic or aromatic side-chain groups
was effective to increase the drug loading, and DL values
for PEG-b-PLGL and PEG-b-PLGF were increased with
increasein the mole fraction of depsipeptide units. PEG-bPLGL micelle showed higher DL than PEG-b-PLGF micelle
only when the amount of FL in feed was high. The interaction
of aromatic side chain of PLGF segment with aromatic model
drug compound had no significant impact on the drug
loading. Comparing the four model drugs (FL, AF, PY, and
DOX) used in this study, it was revealed that the combination
of the core-forming segments and drugs had great influences
on DL and PR. All information obtained in this study should
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Figure 4: Drug loading (circle), drug recovery (triangle), and hydrodynamic diameter (square) for (a) b-PLLA and (b) b-PDLLA micelles
versus the amount of fluorescein in feed.
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be useful for rational design of polymeric micelle-type drug
delivery carrier with high drug loading efficiency.
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Rapid cell growth and rapid recovery of intact cultured cells are an invaluable technique to maintain the biological functions and
viability of cells. To achieve this goal, thermoresponsive polystyrene (PS) nanofibrous mat was fabricated by electrospinning of PS
solution, followed by the graft polymerization of thermoresponsive poly(N-isopropylacrylamide)(PIPAAm) on PS nanofibrous
mats. Image analysis of the PS nanofiber revealed a unimodal distribution pattern with 400 nm average fiber diameter. Graft
polymerization of PIPAAm on PS nanofibrous mats was confirmed by spectroscopic methods such as ATR-FTIR, ESCA, and
AFM. Human fibroblasts were cultured on four different surfaces, PIPAAm-grafted and ungrafted PS dishes and PIPAAm-grafted
and ungrafted PS nanofibrous mats, respectively. Cells on PIPAAm-grafted PS nanofibrous mats were well attached, spread, and
proliferated significantly much more than those on other surfaces. Cultured cells were easily detached from the PIPAAm-grafted
surfaces by decreasing culture temperature to 20∘ C, while negligible cells were detached from ungrafted surfaces. Moreover, cells on
PIPAAm-grafted PS nanofibrous mats were detached more rapidly than those on PIPAAm-grafted PS dishes. These results suggest
that thermoresponsive nanofibrous mats are attractive cell culture substrates which enable rapid cell growth and recovery from the
culture surface for application to tissue engineering and regenerative medicine.

1. Introduction
Tissue engineering is a rapidly expanding field that seeks
to create specific human tissues and organs by combining
cells and scaffolds formed typically using either synthetic
or naturally-derived polymers [1–4]. Tissue engineering has
three essential components as follows: cells, scaffolds using
biomaterials, and bioactive molecules. The most important
component among them is highly functional cells, because
it is unattainable to develop therapeutic replacement tissue
even if the ideal scaffold was prepared when cells lost their
natural functionality.
In this point of view, the process of cell culture
requires a method to recover cells from the culture surface.

Trypsin, an enzyme commonly found in the digestive tract,
can be used to digest proteins, which cleaves adhesion of
cells to the surface and cell-cell junctions. Trypsinization
process for cultured cell recovery has a big problem [5,
6]. Protease like trypsin dissociates cell membrane proteins and secreted ECM by cells, resulting in decreased
specific cell functions and viability, especially on highly
differentiated functionalized cell types. To remedy this
problem and recover intact cultured cells or cell sheets,
thermoresponsive poly(N-isopropylacrylamide) (PIPAAm)grafted PS dishes were mainly used by Okano group [7–
11]. PIPAAm exhibits a phase separation behavior in water
below its lower critical solution temperature (LCST) at 32∘ C
[12]. The PIPAAm-grafted surface can reversibly change its
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surface hydrophilic/hydrophobic properties in response to
temperature changes. Accordingly, cells can be attached to
the PIPAAm-grafted surface above 32∘ C and detached below
32∘ C by hydration of grafted PIPAAm chains. Okano and
his colleagues have reported many scientific and clinical
results utilizing PIPAAm-grafted PS cell culture dishes [13–
15]. However, cell detachment from PIPAAm-grafted PS dish
surface is relatively a slow process. Rapid recovery of cultured
cells is very important to prevent their functional damage,
because lower temperature treatment for a long time might
have negative effects on cell functions. We have already
reported that cells or cell sheets cultured on PIPAAm-grafted
porous membranes can be recovered more rapidly than
PIPAAm-grafted nonporous PS surfaces [16, 17]. Cells can be
detached by the hydration of grafted PIPAAm chains, which
are promoted by the supply of essential water molecules to
hydrate PIPAAm-grafted layer. With porous membranes, the
water accesses the PIPAAm-grafted surface from underneath
and periphery of the attached cells, resulting in rapid hydration of PIPAAm chains and cell detachment.
Recently, electrospun nanofibers have attracted great
attention as a new type of scaffolds for tissue engineering [18–
24]. It is well known that extracellular environment influences
many aspects of cell behavior such as morphology, functionality, and cell-cell interactions [20]. In natural tissues, cells
are surrounded by extracellular matrix (ECM), which has
structural features ranging from nanometer to micrometer
scale. Hence, a nanostructured porous and large surface
area is needed as an alternate to natural ECM. To mimic
the natural ECM structure, electrospinning is thought to be
one of the most suitable methods to fabricate nanofibrous
matrices. We have previously reported that cells on highly
porous electrospun nanofibrous mat were well attached,
spread, and proliferated much more than nonporous surfaces
[25–30]. It is considered that highly porous nanofibrous mat
with high surface area and nanosized roughness offers a
biomimicking structure during cell culture, more structural
space for accommodation and attachment and proliferation
of cells, and enables the efficient exchange of nutrient and
metabolic wastes.
Rapid cell growth and rapid recovery of intact cultured
cells are an invaluable technique to maintain the biological
functions and viability of cells for tissue engineering and
regenerative medicine. In the present study, we fabricated
thermoresponsive PS nanofibrous mats to achieve this goal
by electrospinning method and subsequent surface graft
polymerization of PIPAAm by electron beam irradiation.

2. Experimental
2.1. Materials. Isopropyl acrylamide (IPAAm) was purchased
from TCI Chemicals (Tokyo, Japan) and used after recrystallization from 𝑛-hexane. Polystyrene (PS, Mw: 1,280,000;
Mw/Mn = 1.03) was purchased from Polymer Source. Inc
(Montreal, Canada). N,N-Dimethylformamide (DMF) to
prepare PS solution was obtained from Daejung Chemicals
and Metals (Gyeonggi, Korea) and used as received without
further purification. Polystyrene dish (35 × 10 mm) was
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purchased from SPL Life Science (Gyeonggi, Korea). TrypsinEDTA solution, streptomycin, penicillin, and Dulbecco’s
modified Eagle’s medium (DMEM) were bought from Gibco
BRL (Grand Island, NY, USA).
2.2. Preparation of PS Nanofibrous Mats. Nanofibrous PS
mats were fabricated by electrospinning technique as previously reported [30]. Briefly, PS was dissolved in DMF at
a concentration of 3 wt%. The PS solution is contained in
a glass syringe controlled by syringe pump. A high voltage
is applied between syringe needle and collector. When the
electric field reached a critical value with increasing voltage,
mutual charge repulsion overcame the surface tension of
polymer solution and an electrically charged jet was ejected
from the syringe needle to the collector. Because of charge
repulsion in polymer solution, diameter of fibers significantly
decreased during the flight. PS nanofibrous mats were fabricated reproducibly under the voltage of 10 kV, tip-to-collector
distance of 15 cm and flow rate of 1 mL/h. Electrospun PS
nanofibrous mat was carefully detached from collector and
dried in vacuo for 2 days at 30∘ C to remove residual solvent
completely.
2.3. Heat Treatment of PS Nanofibrous Mat. Because electrospun PS nanofibrous mat has no bonding points between
fibers, its mechanical strength was too low to handle it.
To remedy this problem, heat treatment was employed. PS
nanofibrous mat was placed between two glass plates (20 cm ×
20 cm × 3 mm) and then kept heated for 25 minutes at heating
oven fixed at 120∘ C, which is slightly higher temperature than
glass transition temperature (Tg) of PS.
2.4. PIPAAm Graft Polymerization on PS Nanofibrous Mat.
IPAAm monomer was dissolved in 2-propanol at a concentration of 55 wt%. This monomer solution (40 𝜇L) was spread
uniformly over the surface of the PS nanofibrous mat and
PS dish, and then electron beam was irradiated using an
area beam electron processing system (Curetron BBC-200AA2, Nissin-High Voltage, Kyoto, Japan) at various radiation
doses (acceleration voltage of 150 kV under 1.0 × 10−4 Pa).
Unreacted monomer and ungrafted polymers were removed
by washing extensively with cold water, and the PIPAAmgrafted PS matrices were dried in vacuo at room temperature.
2.5. Characterizations. The morphology and diameter of
electrospun nanofibers were determined by SEM and image
analyzer. Mechanical properties of PS nanofibrous mat before
and after heat treatment were tested by universal testing
machine. The specimen was prepared in accordance with
ASTM D638. Grafting of PIPAAm on PS nanofibrous mats
and PS dishes was confirmed by attenuated total reflectionFourier transform IR (ATR-FTIR) and electron spectroscopy
for chemical analysis (ESCA). The density of PIPAAm grafted
onto the PS nanofibrous mats and PS dishes was determined by ATR-FTIR in comparison with standard calibration
curve. The control PS substrate has strong absorption bands
attributed to aromatic groups at 1600 cm−1 . As PIPAAm was
grafted onto PS surface, an amide I absorption band appeared
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Figure 1: SEM micrographs of electrospun polystyrene nanofibrous mat, magnification of ×3,000 (a) and ×10,000 (b), respectively. Polystyrene
nanofibrous mat after interfiber bonding treatment, magnification of ×3,000 (c) and ×10,000 (d), respectively.

in the region of 1650 cm−1 . The peak intensity ratio (I 1650/1600 )
was used to determine the amount of PIPAAm grafted on PS
surface using a calibration curve of known PIPAAm amount
cast on PS surface from solution. Water contact angles were
determined by a sessile drop method at 20 and 37∘ C. Each
sample was cut in size (1.0 × 1.0 cm) to measure water contact
angles. All samples were measured six times and averaged.
Contact angles were presented as a mean value (𝑛 = 6) with
a standard deviation.
2.6. Cell Culture. To examine the tissue compatibility, human
fibroblasts were evenly seeded at 20,000 cells/dish onto
each surface of PIPAAm-grafted PS nanofibrous mats,
ungrafted PS nanofibrous mats, PIPAAm-grafted PS dishes,
and ungrafted PS dishes. Seeded fibroblasts were cultivated
in Dulbecco’s modified Eagle’s medium (DMEM) supplemented with 10% fetal bovine serum and 1% penicillin Gstreptomycin. Attached cell morphology and viability of
fibroblasts were measured by SEM and MTT assay.
2.7. Recovery of Cultured Cells. Detachment of single cells was
achieved by lower temperature treatment after incubation at
37∘ C for 5 hours. For lower temperature treatment, spread
cells on each surface were transferred to a CO2 incubator
equipped with a cooling unit fixed at 20∘ C. The morphology

and detachment rate were determined with SEM and MTT
assay as a function of lower temperature treatment time.

3. Results and Discussion
3.1. Characterization of Electrospun Mat. Polystyrene (PS)
nanofibrous mats were prepared via electrospinning with
optimized conditions to have an average diameter less than
500 nm to prevent cell penetration into the mat. Electrospun
PS mat structures revealed randomly aligned fibers with
average diameter of 400 nm (Figures 1(a) and 1(b)). The surface of electrospun nanofibrous mats required heat treatment
because of weak mechanical properties. It causes exfoliation
of surface layer of nonwoven PS nanofibrous mat during
washing process of poly(N-isopropylacrylamide) (PIPAAm)grafted surfaces. For this reason, PS mat was heat-treated
at 120∘ C (slightly higher temperature than glass transition
temperature of the PS mat). After heat treatment, the average
diameter of nanofibers was increased to 450 nm and physical
crosslinking points appeared (Figures 1(c) and 1(d)). The
heat-treated PS nanofibrous mat showed network structure
between fibers, while the original PS nanofibrous mat showed
a random straightforward structure.
Mechanical properties of the heat-treated PS mat and
original PS mat could be compared by using universal testing
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Table 1: Water contact angle (∘ ) of each surface measured by sessile
drop method (𝑛 = 6).
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Figure 2: Stress-strain curves obtained from tensile test for heattreated PS mat and original PS mat.

machine (UTM), and the results of tensile strength were
indicated in Figure 2. Heat-treated PS mat could resist more
stress than PS mat during rinsing process of PIPAAm-grafted
PS mat surfaces without separation of outer surfaces. The
heat-treated PS mat (148.55 ± 10.55 MPa) showed higher
modulus than original PS mat (68.88 ± 7.96 MPa). We
assumed that this difference of curve shape is due to a
presence of physical crosslinking points on the electrospun
mat. The load was transferred and absorbed into crosslinking
points which appeared after heat treatment. The heat-treated
PS mat was altered to be a little bit stiff and rigid than before
heat treatment. However, heat treatment of PS mat facilitates
washing procedure after PIPAAm graft polymerization.
3.2. Investigation of PIPAAm-Grafted Surfaces. The PIPAAmgrafted PS mats and dishes were prepared with various
conditions of electron beam irradiation. Grafting of PIPAAm
onto surface was performed after preliminary examination
for arranging of the irradiation dosage. There was not a
morphological deformation of PS nanofibrous mats by electron beam irradiation. To confirm grafting of PIPAAm on
PS surface by electron beam irradiation, surface elemental
analysis was performed using ESCA. In Figure 3, an atomic
percent of nitrogen was observed on the PIPAAm-grafted
PS surfaces, while nitrogen was not detected on ungrafted
PS surfaces. PIPAAm-grafted PS mat (Figure 3(a)) showed
79.5% of C, 8.8% of N, and 11.7% of O atomic composition.
And PIPAAm-grafted PS dish (Figure 3(b)) showed 76.5% of
C, 8.3% of N, and 15.2% of O atomic composition, while the
ungrafted PS mat and ungrafted PS dish showed 100% of C
atomic composition without N and O. Because PS does not
contain amide group, nitrogen on the ungrafted surfaces was
not surveyed, while PIPAAm has amide groups in the chain.
From these results, we infer that PIPAAm was successfully
grafted on PS mat and PS dish surfaces by electron beam
irradiation.

Figure 4 shows ATR-FTIR spectra of PIPAAm-grafted
and ungrafted PS surfaces. Significant increase of amide
peak at 1650 cm−1 appeared at PIPAAm-grafted surfaces. PS
includes aromatic groups that have a characteristic peak at
1600 cm−1 and a characteristic peak of PIPAAm appeared at
1650 cm−1 attributed to amide group in IPAAm chain. In the
cases of PS mat and PS dish without electron beam irradiation
(0 kGy), the absorption peak was revealed at 1600 cm−1 only,
while PIPAAm-grafted PS mat surface by radiation dose
232, 369 kGy revealed clear peak at 1650 cm−1 . The peak of
1650 cm−1 was increasing as a function of irradiation dosage
(Figure 4(a)). Also in PS dishes, amide peak at 1650 cm−1
shows up only at PIPAAm-grafted surfaces and the peak was
increased by increasing irradiation strength (Figure 4(b)).
It is in accordance with ESCA results of PIPAAm-grafted
PS surfaces compared with ungrafted PS surfaces. Grafted
amount of PIPAAm on PS dishes and PS mats was analyzed by
calculation of peak intensity at 1650 cm−1 and 1600 cm−1 . The
peak intensity ratio (I 1650 /I 1600 ) was used to determine the
graft density of PIPAAm on the surface using the calibration
curve. PIPAAm-grafted PS mat with 369 kGy irradiation
and PIPAAm-grafted PS dish with 507 kGy irradiation were
grafted approximately 1.02 g/cm2 and 1.01 g/cm2 of PIPAAm,
respectively.
The topography of polystyrene surfaces was measured by
tapping mode of atomic force microscope (AFM) (Figure 5).
PS nanofibrous mat showed randomly overlapped logs-like
structure (Figure 5(b)) and PS dish showed a lawn-like morphology (Figure 5(d)). The morphology of PIPAAm-grafted
surfaces was altered to rough surface compared to neat PS
surfaces. In the case of nanofibrous PS mats, PIPAAm-grafted
fiber was thicker than ungrafted one. Also, the topography
of PS dish surface was changed by the graft of PIPAAm.
According to these results, we confirmed that PIPAAm was
successfully grafted onto electrospun nanofibrous PS mats
and PS dish surfaces.
PIPAAm-grafted surfaces exhibited decreasing contact
angles by lowering the temperature from 37 to 20∘ C, while
ungrafted PS surfaces had negligible contact angle changes
with changing temperature (Table 1). This result indicates
that PIPAAm-grafted surfaces, which are hydrophobic at
higher temperature, became remarkably more hydrophilic
in response to a temperature reduction due to spontaneous
hydration of surface grafted PIPAAm. PIPAAm-grafted PS
mats and PIPAAm-grafted PS dishes showed contact angle
gaps of 23.77∘ and 13.33∘ by temperature change from 37 to
20∘ C. Water contact angle change of more than 10∘ which
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Figure 4: ATR-FTIR spectra of PIPAAm-grafted polystyrene mats (a) and polystyrene dishes (b) as a function of radiation dose.

occurred by temperature alteration was enough for cell
detachment.
3.3. Cell Proliferation on Thermoresponsive Matrices. To
demonstrate biocompatibility and cell proliferation, fibroblasts were cultured on PIPAAm-grafted PS surfaces and
ungrafted PS surfaces. Attached and spread fibroblasts on
nanofibrous PS mat were proliferated more rapidly than those
of flat PS dish surface (Figure 6). After 3 hours of culture,
initial cell attachment on electrospun nanofibrous PS mat
surfaces was higher than PS dish surfaces. Electrospun mat

has a higher specific surface area; the three-dimensional
structure of electrospun mats gives good metabolism to
cells and the surface morphology was rougher than surface
of PS dish. For these reasons, cells were attached easily
onto electrospun PS mat surfaces. Proliferation of cells on
PIPAAm-grafted surfaces was higher than that of ungrafted
surfaces. The surface property changed to be hydrophilic
by the graft of PIPAAm, which increased compatibility of
surfaces to the cells.
3.4. Recovery of Cultured Cells. Detachment of single cells
from PIPAAm-grafted PS surfaces was induced by low
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Figure 5: Three-dimensional tapping mode AFM topographical images of each surface: (a) ungrafted polystyrene mat, (b) PIPAAm-grafted
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Figure 7: The percentage of remaining cells on ungrafted and
PIPAAm-grafted polystyrene surfaces as a function of incubation
time at 20∘ C.

temperature treatment after incubation at 37∘ C. Almost all
of the seeded cells were attached and spread on these
surfaces after 5 hours of culture at 37∘ C. When the culture

temperature was reduced to 20∘ C after 5 h incubation at 37∘ C,
the spread cells became rounded and detached from both
PIPAAm-grafted PS dish and nanofibrous mat surfaces. This
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Figure 8: SEM micrographs of fibroblasts detachment from the ungrafted polystyrene dish, PIPAAm-grafted polystyrene dish, and PIPAAmgrafted polystyrene mat surface as a function of incubation time at 20∘ C.

is because PIPAAm is hydrated below its LCST, producing
an expanded, swollen, and hydrophilic surface. This surface
property changes weakened cellular adhesion, resulting in
spontaneous cell detachment.
The percentage of still attached single cells after low
temperature treatment decreased rapidly on PIPAAm-grafted
surfaces, while there are no cells detached from ungrafted
surfaces because of no surface property alternation by
reducing culture temperature (Figure 7). Time-lapse images
(in minutes) of cell morphology assist the result of MTT

assay (Figure 8). Spread cells were more rapidly detached
on PIPAAm-grafted PS mat than PIPAAm-grafted PS dish.
This difference is probably because of porous structure, the
water molecules rapidly reach to grafted PIPAAm from
underneath and peripheral to the attached cells, resulting in
rapid hydration of grafted PIPAAm molecules and accelerating detachment of the cells. Initial cell attachment, rapid
proliferation, and rapid intact cell recovery are important to
maintain biological functions and viability of cell source for
the fields of tissue engineering and regenerative medicine.
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4. Conclusions
In this study, PS nanofibrous mats prepared by electrospinning method and subsequent grafting of PIPAAm by
electron beam irradiation enabled a rapid cultured cells
detachment for biological function and viability of cultured
cells. Temperature- responsive surface was developed by
introducing thermosensitive PIPAAm chains onto PS nanofibrous mats via electron beam irradiation. Heat treatment was
employed to provide bonding points between fibers resulting
in increase in mechanical property for sufficient washing
process.
Also we expected porous substrate would assist more
rapid hydration for functionality of cultured cells. From the
noticed results, cells were well attached and proliferated on
nanofibrous PS mat more than flat PS dish surface. Also
cells were detached more rapidly on PIPAAm-grafted PS
nanofiber surfaces than PIPAAm-grafted PS dish surfaces
probably due to the effective water supply via existing pores
on nanofibers. To maintain biological functions and viability
of recovered cells, development of rapid cell recovery system is prerequisite. From this view point, PIPAAm-grafted
nanofibrous mats could be a promising tool to recover intact
cultured cells.
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Neural cell adhesion and neurite outgrowth were examined on graphene-based biomimetic substrates. The biocompatibility of
carbon nanomaterials such as graphene and carbon nanotubes (CNTs), that is, single-walled and multiwalled CNTs, against
pheochromocytoma-derived PC-12 neural cells was also evaluated by quantifying metabolic activity (with WST-8 assay),
intracellular oxidative stress (with ROS assay), and membrane integrity (with LDH assay). Graphene films were grown by using
chemical vapor deposition and were then coated onto glass coverslips by using the scooping method. Graphene sheets were
patterned on SiO2 /Si substrates by using photolithography and were then covered with serum for a neural cell culture. Both types
of CNTs induced significant dose-dependent decreases in the viability of PC-12 cells, whereas graphene exerted adverse effects
on the neural cells just at over 62.5 ppm. This result implies that graphene and CNTs, even though they were the same carbonbased nanomaterials, show differential influences on neural cells. Furthermore, graphene-coated or graphene-patterned substrates
were shown to substantially enhance the adhesion and neurite outgrowth of PC-12 cells. These results suggest that graphene-based
substrates as biomimetic cues have good biocompatibility as well as a unique surface property that can enhance the neural cells,
which would open up enormous opportunities in neural regeneration and nanomedicine.

1. Introduction
Graphene is a single-atom thick and is defined as a twodimensional sheet of hexagonally arranged carbon atoms
isolated from its three-dimensional parent material, graphite
[1]. As with many novel materials, applications of graphene
and its family nanomaterials, such as graphene oxide (GO),
reduced GO (rGO), and graphene nanosheets, offer many
technological opportunities since they exhibit interesting
electrical, thermal, mechanical, and optical properties [2].
The practical uses of graphene family nanomaterials are
extensive, covering applications as diverse as battery electrodes, super-capacitors, nanoelectronics (e.g., transistors

and sensors), antibacterial paper, and many biomedical uses
for drug delivery, diagnosis, and therapy [3–7]. These numerous potential applications of graphene and related materials
make them very attractive to both the scientific and industrial
community. However, to ensure the safe development of
graphene and its family nanomaterials, their potential impact
on health and environment remains unelucidated yet.
Carbon nanotubes (CNTs) and graphene, despite both
being carbon-based, are two very distinct nanomaterials, and
their biological applications still keep wide open. During
the last decade, many studies of interactions between neural
cells and carbon nanomaterials (CNMs) including CNTs,
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graphene, and their derivatives were carried out with terminally differentiated primary cells or cell lines [8, 9]. The primary focuses of very recent studies were on establishing biocompatibility and biofunctionality of the proposed materials,
revealing that by pretreating rats with amine-modified singlewalled CNTs (SWCNTs) neurons could be protected and the
recovery of behavioural functions in rats with induced stroke
could be enhanced [10], and graphene substrates exhibited
excellent biocompatibility and significantly promoted neurite
sprouting and outgrowth of mouse hippocampal cells [11].
In the present study, the biocompatibility between neural
cells and three CNMs, namely, graphene, SWCNTs, and multiwalled CNTs (MWCNTs), was evaluated and compared by
quantifying metabolic activity, intracellular oxidative stress,
and membrane integrity. Neural cell adhesion and neurite
outgrowth were examined onto graphene-based biomimetic
substrates.

2. Experimental
2.1. Synthesis and Morphological Observation of Carbon
Nanomaterials (CNMs). Graphene and SWCNTs were grown
by using chemical vapor deposition (CVD), as previously
described [12, 13]. MWCNTs were synthesized by using spray
pyrolysis combined with a subsequent thermal CVD process,
as described elsewhere [14, 15]. After being synthesized,
each CNM was weighed by using an electronic balance
(with a readability of 0.1 mg, Adventurer Analytical Balance,
Ohaus, Bradford, MA). The surface morphology of each
CNM was observed by using scanning electron microscopy
(SEM). In brief, all CMNs were coated with an ultrathin
layer of gold/platinum by an ion sputter (E1010, Hitachi,
Tokyo, Japan) and were then observed with a field emission
scanning electron microscope (FESEM, Hitachi S-4700) at
an accelerating voltage of 5 kV for graphene and 15 kV for
both CNTs. A colloidal dispersive solution of each CNM
was prepared in Dulbecco’s phosphate-buffered saline (DPBS,
Sigma-Aldrich Co., St Louis, MO, pH 7.4) with a final concentration of 500 ppm and was then sonicated for homogenous
dispersions under mild conditions by using a water bath
sonicator with a bath temperature of 25∘ C overnight. For
biocompatibility evaluations, the suspension of each CNM
was serially diluted with 2 × Dulbecco’s modified Eagle’s
medium (DMEM, Sigma-Aldrich Co.) and was then treated
to the cultured monolayer of neural cells.
2.2. Preparation of Graphene-Based Substrates. Graphene
films were grown on catalytic copper (Cu) surface by using
a CVD method [12, 13]. For the preparation of a graphenecoated substrate, the grown graphene film on a Cu foil
was transferred onto a glass coverslip by using the scooping process. In detail, 10 wt% of poly(methyl methacrylate)
(PMMA, Sigma-Aldrich Co.) was spin-casted on a Cu foil
at 3000 rpm for 30 seconds and was then placed into an Cu
etchant solution (Transene Company, Inc., Danvers, MA) to
completely remove the Cu foil. Next, graphene covered with a
PMMA substrate was scooped onto a glass coverslip, followed
by removal of the PMMA by adding acetone for 40 min.
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For the neural cell adhesion, the top surface of graphene
coated on the glass coverslip was covered with 50% fetal
bovine serum (FBS, Sigma-Aldrich Co.) for 1 hour while
shaking at 37∘ C and 80 rpm [16]. In the case of the graphenepatterned substrate, a patterned array of graphene films with
rectangular shapes (100 𝜇m × 150 𝜇m) was fabricated on a
SiO2 /Si substrate by using a conventional photolithography
(AZ 5214) as described elsewhere [12]. The morphology of
the patterned graphene array was observed under a scanning
electron microscope (SEM, Hitachi S-4800, Tokyo, Japan)
at an accelerating voltage of 1.0 kV. To observe the neurite
outgrowth, the top surface of the patterned graphene was
covered with FBS by using the same method as mentioned
above.
2.3. Cell Cultures and Conditions. PC-12 cells (derived from
pheochromocytoma of rat adrenal medulla) were obtained
from American Type Culture Collection (ATCC, Rockville,
MD). Cells were routinely maintained in RPMI-1640 media
(Sigma-Aldrich Co.) supplemented with 10% horse serum,
5% FBS, and 1% antibiotic antimycotic solution (including
10,000 U penicillin, 10 mg streptomycin, and 25 𝜇g amphotericin B per mL, Sigma-Aldrich Co.) at 37∘ C in a humidified
atmosphere of 5% CO2 in air.
2.4. WST-8 Assay for Metabolic Activity Determination.
The number of viable cells was quantified indirectly by
using highly water-soluble tetrazolium salt (WST-8, 2-(2methoxy-4-nitrophenyl)-3-(4-nitrophenyl)-5-(2,4-disulfophenyl)-2H-tetrazolium, monosodium salt; Dojindo Lab.,
Kumamoto, Japan), reduced to a water-soluble formazan
dye by mitochondrial dehydrogenases. The cell viability was
found to be directly proportional to the metabolic reaction
products obtained in WST-8 [17]. Briefly, the WST-8 assay
was conducted as follows: PC-12 cells were treated with
increasing concentrations (0.5∼500 ppm) of each CNM
and were then incubated with WST-8 reagent for the last 4
hours of the culture period (24 hours) at 37∘ C in the dark.
Parallel sets of wells containing freshly cultured cells, which
were not treated with any CNMs suspended in the same
concentration ratio of DPBS and DMEM, were regarded as
negative controls. The absorbance was determined at 450 nm
by using an ELISA reader (SpectraMax 340, Molecular
Device Co., Sunnyvale, CA). The relative cell viability was
determined as the percentage ratio of the optical densities in
the media (containing CNMs at each concentration) to that
of the fresh control medium.
2.5. DCF Assay for Oxidative Stress Determination. The 2 ,7 dichlorodihydrofluorescein (DCF) assay is a widely used
method to detect intracellular reactive oxygen species (ROS)
levels in pharmacological studies [18, 19]. The accumulation
of intracellular free radicals from CNMs was quantified using
a ROS assay kit (OxiSelect, Cell Biolabs, Inc., San Diego, CA),
which employs the cell-permeable fluorogenic probe 2 ,7 dichlorodihydrofluorescein diacetate (DCFH-DA). DCFHDA is an ROS detector that can cross cell membranes and
be deacetylated by intracellular esterases to nonfluorescent
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2 ,7 -dichlorodihydrofluorescein (DCFH). In the presence of
ROS, DCFH is rapidly oxidized to the highly fluorescent
DCF, which is readily detectable. The fluorescence intensity
is proportional to the ROS levels within the cell cytosol.
PC-12 cells were exposed to increasing concentrations (0.5∼
500 ppm) of each CNM for 24 h and were then incubated with
DCHF-DA for 30 minutes at 37∘ C in the dark. Parallel sets of
wells containing freshly cultured cells, which were not treated
with any CNMs suspended in the same concentration ratio
of DPBS and DMEM, were regarded as negative controls.
The fluorescence emission of DCF was monitored at regular
intervals at an excitation wavelength of 480 nm and an
emission wavelength of 530 nm in a fluorescence plate reader
(VICTOR3 Multilabel Counter, PerkinElmer, Inc., Waltham,
MA). The amount of DCF formed was calculated from
a calibration curve constructed using an authentic DCF
standard. The relative DCF intensity was determined as the
percentage ratio of the fluorescence intensities in the wells
(containing CNMs at each concentration) to that in the fresh
control well.
2.6. LDH Assay for Membrane Integrity Determination. Cell
membrane integrity was monitored using a lactate dehydrogenase (LDH) assay kit (Takara Bio Inc, Shiga, Japan) to
determine the release of LDH into the medium according to
the manufacturer instructions. In this assay, LDH released
from damaged cells oxidizes lactate to pyruvate, which
promotes conversion of the tetrazolium salt INT to a watersoluble red formazan product [19]. Briefly, after 24 hours
exposure to increasing concentrations (0.5∼500 ppm) of each
CNM, the supernatant from each well was transferred to a
new 96-well plate. Reconstituted substrate mix was added
to each well and the plates were kept for 30 minutes in the
dark at room temperature. Stop solution was then added to
each well. Parallel sets of wells containing freshly cultured
cells, which were not treated with any CNMs suspended in
the same concentration ratio of DPBS and DMEM, were
regarded as negative controls. Released LDH catalyzed the
oxidation of lactate to pyruvate with simultaneous reduction
of NAD+ to NADH. The rate of NAD+ reduction was
directly proportional to LDH activity in the cell medium. The
intensity of red color formed in the assay was measured at
a wavelength of 490 nm with an ELISA reader (SpectraMax
340, Molecular Device Co.), which was proportional to the
number of damaged cells. The relative LDH release was
determined as the percentage ratio of the optical densities in
the media (containing CNMs at each concentration) to that
of the fresh control medium.
2.7. Assays for Neural Cell Adhesion, Neurite Outgrowth,
and Proliferation. The adhesion of PC-12 cells and their
neurite outgrowth were investigated onto graphene-coated
and graphene-patterned substrates, respectively, under the
conditions of the culture media without neural growth factors
for neuronal differentiation. Neural cells were seeded with
high density of 2 × 105 cells/mL onto glass coverslips with
FBS-covered graphene on them lying in a 48-well plate and
were then incubated for 3 days. After incubation, cellular
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morphology adhered onto graphene-coated substrates was
observed under an inverted microscope (IX81-F72, Olympus
Optical, Osaka, Japan). For observing neurite outgrowth, PC12 cells (low density of initial seeding, 1 × 104 cells/mL) were
cultured for 7 days onto FBS-covered graphene patterned on
a SiO2 /Si substrate lying in a 12-well plate. After cultivation,
neurite outgrowth onto graphene-patterned substrate was
visualized by using atomic force microscopy (AFM, Innova,
Veeco Instruments Inc., Plainview, NY). In order to compare
the proliferation pattern of PC-12 cells, cells were seeded on
glass coverslips without and with FBS-covered graphene on
them and then cultivated for 1, 3, 5, and 7 days at 37∘ C in
a CO2 incubator. After incubation, the cell proliferation was
determined by the WST-8 assay as described above.
2.8. Statistical Analysis. All variables were tested in three
independent cultures for each cytotoxicity assay, which was
repeated twice (𝑛 = 6). Quantitative data are expressed as
mean ± standard deviation (SD). Data were tested for homogeneity of variances using Levene’s test, prior to statistical
analysis. Multiple comparisons to detect the dose-dependent
effects of CNMs on PC-12 cells were carried out using oneway analysis of variance (ANOVA, SAS Institute, Cary, NC),
which was followed by the Bonferroni test when variances
were homogeneous and the Tamhane test when variances
were not. Statistical analysis for the proliferation study was
made by using the Student’s t-test. A value of 𝑃 < 0.05 was
considered statistically significant.

3. Results and Discussion
3.1. SEM Analysis. Figure 1 shows FESEM images of pristine
graphene, SWCNTs, and MWCNTs. All the CNMs were
well dispersed in the culture medium (DMEM) with serum.
Most of graphene nanoplatelets existed as single or few layers
and presented both large and small sheets. Several graphene
nanoplatelets with lateral sizes of around 200∼500 nm have
been observed while a few nanoplatelets showed smaller sizes
within the range of 50∼100 nm. SWCNTs and MWCNTs
mostly formed nanofibrous bundles of 2∼5 nm and 10∼15 nm
in diameter, respectively, and several 𝜇m in length in the
suspension.
3.2. Effects of CNMs on Metabolic Activity. In order to
evaluate the neural cell biocompatibility of CNMs, the effects
of CNMs on the metabolic activity of PC-12 cells were
examined with the WST-8 assay where the formation of
formazan dye depends on the mitochondrial enzyme activity.
As shown in Figure 2, the viability of PC-12 cells decreased
in a dose-dependent manner after 24 hours of exposure to
increasing concentrations of each CNM. Graphene started to
record significant (𝑃 < 0.05) mitochondrial toxicity from
62.5 ppm and showed about 18% loss in the cell viability
even at the top concentration tested (500 ppm) in comparison
to unexposed controls. In contrast, significant (𝑃 < 0.05)
cytotoxicity was induced at 31.3 ppm of both CNTs, which
resulted in approximately 18%∼20% inhibition of the viability
in comparison to untreated controls. A recent study reported
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Figure 1: FESEM images of the surface morphologies of graphene nanoplatelets, SWCNTs, and MWCNTs.
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Figure 2: Effects of graphene, SWCNTs, and MWCNTs on mitochondrial toxicity of PC-12 cells. Cells were treated with different
concentrations of CNMs for 24 hours. At the end of the incubation
period, the WST-8 assay was performed to evaluate the cytotoxicity
as described in Section 2. Data were expressed as mean ± standard
deviation (SD) based on at least duplicate observations from three
independent experiments. The letter “a” indicates statistically significant difference from the untreated control; the letter “b” indicates
statistically significant difference from cells treated with graphene at
the same concentration (𝑃 < 0.05).

that GO showed stronger hemolytic activity against red blood
cells than aggregated graphene sheets whereas compacted
graphene sheets were more damaging to mammalian fibroblasts than less densely packed GO [20]. Moreover, it was
revealed that 7.5∼30 ppm of SWCNTs reduced the total DNA
content of mixed neuroglial cultures [21]. MWCNTs have
been shown to induce massive loss of cell viability in human
dermal fibroblasts through cell cycle arrest in the G1 phase,
downregulation of adhesion-related genes, DNA damage,
and programmed cell death as well as cause cytoskeleton
damage and disturbance of actin stress fibers in the range of
40∼200 ppm [22, 23]. In addition, our previous study revealed

that primary-cultured fibroblasts were more susceptible to
CNMs than the fibroblast cell line [24]. As a result, it is
considered that the WST assay has any detection limit to find
out cytotoxic effects of CNMs at relatively low concentrations
(<31.3 ppm) on neural cells. Numerous previous studies have
employed the methylthiazolyldiphenyl-tetrazolium bromide
(MTT) assay, a typical nanotoxicity assay, but this assay
sometimes failed to predict the toxicity of CNMs because
of the spontaneous reduction of MTT by CNMs, resulting
in a false positive signal [20, 25]. Therefore, cytotoxicity
against cells exposed to CNMs should be also determined
by alternative in vitro cell endpoint assays, such as ROS
production, lipid peroxidation, and LDH leakage, because a
WST-8 assay is based only on the activity of mitochondrial
dehydrogenases.
3.3. Effects of CNMs on Intracellular Oxidative Stress. The
DCF assay has been well verified as an effective index for
evaluating the toxicity of nanomaterials attributable to ROS
generation [19, 26]. Following exposure of PC-12 cells for
24 hours to each CNM, the state of oxidative stress in the
cells was observed. As shown in Figure 3, the ROS generation
increased in a dose-dependent manner as the concentration
of each CNM increased, with the exception of graphene at
the concentrations lower than 125 ppm. However, significant
(𝑃 < 0.05) ROS generation started to be recorded from
3.9 ppm of both CNTs, which resulted in 130% increase in
comparison to unexposed controls. These results roughly
correlated with results from the WST-8 assay, suggesting that
toxicity in cells exposed to CNTs might result from oxidative
stress mediated by ROS generated from CNTs internalized
into cells [9]. There is convincing evidence supporting this
suggestion. It was demonstrated that long SWCNTs led to
significant increases in ROS generation and malondialdehyde
(a product of lipid peroxidation) level in PC-12 cells in time
and dose-dependent manners [27]. Other evidence showed
that exposure to MWCNTs resulted in a concentrationdependent cytotoxicity in cultured human embryonic kidney cells, which was associated with increased oxidative
stress [28]. On the other hand, surface functionalization
(e.g., PEGylation) of SWCNTs has been shown to decrease
ROS-mediated toxicological response in PC-12 cells [29].
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Figure 3: Effects of graphene, SWCNTs, and MWCNTs on ROS
generation in PC-12 cells. Cells were treated with different concentrations of CNMs for 24 hours. At the end of the incubation
period, the DCF assay was performed to evaluate the cytotoxicity
as described in Section 2. Data were expressed as mean ± standard
deviation (SD) based on at least duplicate observations from three
independent experiments. The letter “a” indicates statistically significant difference from the untreated control; the letter “b” indicates
statistically significant difference from cells treated with graphene at
the same concentration (𝑃 < 0.05).

Figure 4: Effects of graphene, SWCNTs, and MWCNTs on LDH
release from PC-12 cells. Cells were treated with different concentrations of CNMs for 24 hours. At the end of the incubation period, the
LDH assay was performed to evaluate the cytotoxicity as described
in Section 2. Data were expressed as mean ± standard deviation (SD)
based on at least duplicate observations from three independent
experiments. The letter “a” indicates statistically significant difference from the untreated control; the letters “b” and “c” indicate
statistically significant differences from cells treated with graphene
and SWCNTs, respectively, at the same concentration (𝑃 < 0.05).

Furthermore, it was reported that vitamin E might protect
PC-12 cells from the injury induced by SWCNTs through
the downregulation of oxidative stress and prevention of
mitochondrial-mediated apoptosis [30].

Thus, it is likely that the piercing, needle-like CNT may be
more mobile than the sheet-like graphene and can more
readily penetrate the cell membrane, resulting in greater cell
membrane damage [33]. These dose-dependent responses of
PC-12 cells to CNMs correlated exactly with those from the
DCF assay, implying that cell membrane damage is another
mechanism for the toxicity of CNMs. In this study, the
>250 ppm of graphene increased the LDH release and ROS
generation. However, lower doses (0.5∼31.3 ppm) of graphene
had no effect on multiple endpoints such as metabolic activity,
LDH leakage, and ROS production. Therefore, lower levels of
exposure (<30 ppm) to graphene could theoretically be useful
in biomedical applications including imaging, drug delivery,
tissue engineering, and biosensors [34, 35]. Future studies will
focus on the mechanistic studies regarding the interaction
between CNMs and immune cells or tissues in order to ensure
that these materials are developed in a safe and responsible
manner to help confirm their long-term sustainability.

3.4. Effects of CNMs on Cell Membrane Integrity. LDH
leakage is well known as a useful index for cytotoxicity
on the basis of loss of membrane integrity, a hallmark of
necrosis. All the CNMs induced apparent LDH release from
PC-12 cells, revealing the adverse effect of CNMs on cell
membrane integrity (Figure 4). Significant LDH release was
noted only after 24 hours of exposure to graphene at higher
concentrations (250 and 500 ppm). At lower concentrations
(0.5∼125 ppm), graphene had no effect on the release of
LDH. In contrast, both SWCNTs and MWCNTs began to
induce a significant (𝑃 < 0.05) increase in LDH release
from 0.5 ppm and resulted in 235% and 296%, respectively
at the highest concentration (500 ppm) in comparison to
untreated controls. Some reasons can be evoked to explain
the difference in cytotoxicity between graphene and CNTs.
Generally, the size (namely, dimensions), shape, composition,
surface charge, and surface chemistry (e.g., functionalization)
of nanomaterials as well as the target cell type are critical
determinants of intracellular responses, degree of cytotoxicity
and potential mechanisms of toxicity [31]. The chemical
composition and dimensions of graphene are similar to
those of CNTs, but the shape of graphene is completely
different from that of CNTs (planar versus cylindrical) [32].

3.5. Neural Cell Adhesion and Neurite Outgrowth on
Graphene-Based Biomimetic Substrates. After PC-12 cells
were cultured on a glass coverslip with FBS-covered
graphene on it, their morphology was observed by using
the optical microscopy. Cells were able to grow under the
conditions of culture media without neural growth factors
for neuronal differentiation. As shown in Figure 5(a), more
cells were found to be adhered on the glass coverslip with
FBS-covered graphene on it than on the glass coverslip
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Figure 5: Neural cell adhesion (a) and neurite outgrowth (b) on graphene-based biomimetic substrates. Bright-field images of a glass coverslip
with FBS-covered graphene on it (A1, scale bar = 10 𝜇m) and PC-12 cells on the boundary area between glass (lower) and graphene (upper) 3
days after cell culture (A2). SEM images (B1 and B2) of graphene patterned on a SiO2 /Si substrate (B2, enlarged image of B1) and AFM image
of neurite outgrowth from PC-12 cells on patterned graphene covered with FBS after 7 days of incubation (B3, scale bar = 20 𝜇m).

without graphene-coated layers after 3 days of incubation.
Moreover, PC-12 cells adhered on the bare glass coverslip
appeared to partly take a spindle shape, while the graphenecoated substrate did not seem to have the same effect on
cells. This pattern in the cellular adhesion was in good
agreement with our previous study showing that adhesion
and proliferation of PC-12 cells cultured onto graphenecoated glass coverslips were superior to those onto uncoated
ones [16]. It has been reported that NIH-3T3 fibroblasts,
although the cell type is different from neural cells, show
highly improved cell growth, adhesion, and gene transfection
efficiency on rGO/MWCNT-coated substrates [36]. Another
report has revealed that rGO is biocompatible with PC12 cells, whereas the SWCNT network is inhibitory to
the proliferation, viability, and neuritegenesis of PC-12
cells [37]. This contrasting phenomenon was explained
by the hypothesis that could be attributed to the distinct
nanotopographic features of these two kinds of nanocarbon
substrates. Controlling microenvironments of cells on
certain substrates makes it possible to mimic in vivo
situations and consequently contributes to the differentiation

of stem cells into specific cell types [38]. On the other
hand, PC-12 cells were shown to spread with apparent
neurite outgrowth on the patterned graphene covered with
FBS after 7 days of incubation (Figure 5(b)). As shown
in Figure 6, PC-12 cells were cultured on glass coverslips
without and with FBS-covered graphene on them, and
their proliferation was examined by using the WST-8 assay.
The time-dependant proliferation pattern of PC-12 cells
on the glass coverslip with FBS-covered graphene on it
was almost similar to that of the cells on the bare glass
coverslip. However, PC-12 cells on the glass coverslip with
FBS-covered graphene on it better proliferated than on the
bare glass coverslip. The differentiation of PC-12 cells could
be initiated simply by exchanging culture media without
any neural growth factors for neuronal differentiation.
This result suggests that graphene-patterned substrates
as biomimetic cues have a specific surface property that
can promote neural cells. Recent evidence supports this
suggestion, showing that behaviors of neural stem cells,
such as attachment, proliferation, and differentiation on
the surface-functionalized graphene with laminin, were
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Figure 6: Proliferation of PC-12 cells cultured on bare glass
coverslips with and without FBS-covered graphene on them after 1,
3, 5, and 7 days of incubation. At the end of each incubation period,
the WST-8 assay was performed to examine the cell proliferation as
described in materials and methods. Data were expressed as mean ±
standard deviation (SD) based on at least duplicate observations
from three independent experiments. The asterick denotes significant difference in the proliferation between bare glass coverslips with
and without FBS-covered graphene, 𝑃 < 0.05.

significantly better than those of the pure graphene surface
[39]. In addition to this evidence, it has been reported that
CNTs enhance the excitability of neurons by forming tight
contacts with the cell membrane so that electrical activity is
diverted through the nanotubes [40, 41].

4. Conclusion
From evaluation of the biocompatibility between neural
cells and CNMs, it was demonstrated that graphene exerted
much less adverse effects on neural cells than both types of
CNTs, namely, SWCNTs and MWCNTs, at the concentrations lower than 62.5 ppm. Graphene-coated or graphenepatterned substrates were shown to substantially enhance the
adhesion, neurite outgrowth, and proliferation of neural cells.
Therefore, it is concluded that graphene-based biomimetic
substrates have good biocompatibility as well as a unique surface property that can enhance neural cells, which would be
potentially applied to neural regeneration and nanomedicine.
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Herceptin, a typical monoclonal antibody, was immobilized on the surface of CdSe/ZnS core-shell quantum dots (QDs) to enhance
their specific interactions with breast cancer cells (SK-BR3). The mean size of the core-shell quantum dots (28 nm), as determined
by dynamic light scattering, increased to 86 nm after herceptin immobilization. The in vitro cell culture experiment showed that the
keratin forming cancer cells (KB) proliferated well in the presence of herceptin-conjugated QDs (QD-Her, 5 nmol/mL), whereas
most of the breast cancer cells (SK-BR3) had died. To clarify the mechanism of cell death, the interaction of SK-BR3 cells with
QD-Her was examined by confocal laser scanning microscopy. As a result, the QD-Her bound specifically to the membrane of SKBR3, which became almost saturated after 6 hours incubation. This suggests that the growth signal of breast cancer cells is inhibited
completely by the specific binding of herceptin to the Her-2 receptor of SK-BR3 membrane, resulting in cell death.

1. Introduction
The development of noncytotoxic quantum dots (QDs) has
attracted considerable interest as luminescence probes in
biological and medical research because of their some unique
optical and chemical properties [1], such as a tunable fluorescence wavelength according to size, a sharp and symmetrical
fluorescence peak, strong and stable emission, high quantum
yield, brightness, and photo stability [2–5]. QDs have several
advantages over traditional dyes and fluorescent proteins
used as imaging probes, such as tunable emission from visible
to infrared wavelengths, broader excitation spectra, and high
resistance to photo bleaching [6, 7]. On the other hand,
the potential applications of QDs in biology and medicine
are limited because of their toxic effects [8]. QDs contain
toxic components, such as cadmium or lead. Cd2+ and Pb2+
can be released from QDs to kill the cells [9]. Recently, a
number of techniques, such as a gold outer shell [10], targeted
ligand-like peptide [11], proteins [12, 13], and polymer coating
[14] have been developed to minimize the cytotoxicity of
QDs. Consequently, many approaches for transforming QDs

from hydrophobic to hydrophilic have been developed for
a range of biomedical applications. Accordingly, researchers
have also used noncytotoxic materials, such as polyethylene
glycol (PEG) and polymaleic anhydride salt-1-tetradecene, to
coat the surfaces of QDs [15].
Thus far, a range of surface coatings of QDs have been
explored including the conjugation of mercaptoacetic acid
[16], mercaptopropionic acid [17], mercaptobenzoic acid [18],
and biocompatible and chemically functionalizable inorganic
shells, such as silica or zinc sulfide [19]. These coatings can
guarantee the water solubility of QDs but cannot enhance
the biocompatibility significantly. Therefore, further coatings
with suitable water-soluble organic ligand/biomolecules are
necessary to enhance the biocompatibility of QDs. To that
end, QDs have been linked covalently with biorecognition
molecules, such as biotin [20], oleic acid [21], peptides [22],
bovine serum albumin [23], transferrin [24], antibodies [25],
and DNA [26].
Polymeric micelles have been studied extensively for the
solubilization of hydrophobic drugs and bioactive agents
because of their unique properties, including nanoscale size,
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high water solubility, high structural stability, high carrying
capacity of hydrophobic agents, and easy introduction of
functional moieties to the outer shell. The polymers generally
leave the fluorescent properties of QDs unchanged but allow
the introduction of other moieties to the QD surfaces [27].
CdSe/ZnS QD is a versatile core shell material with a wide
band gap of 3.37 eV and a rather large exciton binding energy
that makes the exciton state stable, even at room temperature.
Zinc is a very important trace element in humans [28] and
has been found to play an important part in many biological
systems [29–32]. Therefore, CdSe/ZnS core-shell QDs are
expected to be environmentally friendly and more suitable for
bioimaging and cancer detection than CdSe QD.
In this study, breast cancer cells were targeted with
herceptin-conjugated quantum dots for cancer therapy and
diagnosis. Phospholipid-immobilized CdSe/ZnS core-shell
quantum dots (QDs) were prepared by a coupling reaction of trioctylphosphine oxide-coated CdSe/ZnS core-shell
quantum dots with carboxylic acid-terminated PEG and
methoxy-terminated PEG. Herceptin was then introduced to
the surface of the QDs (QD-Her) to enhance the antitumor
effects of chemotherapeutic agents without increasing their
toxicity [33–36]. The surface properties of the QDs and QDHer were characterized by Fourier transform infrared (FTIR) spectroscopy, electron spectroscopy for chemical analysis (ESCA), UV-Vis spectrometry, dynamic light scattering
(DLS), and zeta potential measurements. To evaluate the
cell compatibility and cytotoxicity of the QDs and QD-Her,
human breast cancer cells (SK-BR3) were cultured in the
presence of Q-dots. The intracellular uptake of QD-Her to the
cells was also observed by confocal laser scanning microscopy
(CLSM).
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solution, and the reaction mixture was allowed to cool to
100∘ C for the growth of CdSe nanocrystals. To obtain the
CdSe/ZnS nanoparticles, the solution was cooled to room
temperature and highly luminescent CdSe nanocrystals were
isolated and purified by centrifugation followed by precipitation with methanol and finally dissolved in 5 mL of toluene.
To obtain the CdSe/ZnS core-shell quantum dots, the precipitated CdSe nanocrystals were dispersed in 2 mL of TOP in
a three-necked flask. In addition, ZnS (0.092 g) was dissolved
in 2 mmol TOP upon gentle heating. After cooling to room
temperature, the resulting mixture was injected dropwise into
a reaction flask containing the core nanocrystal at 140∘ C
for 6 hrs. After the addition was complete, the particles
were annealed at 90∘ C for 6 hrs. Core-shell quantum dots of
various sizes were obtained by adjusting the concentration of
CdO and ZnS in TOP, as well as the corresponding injection
periods. The prepared CdSe/ZnS QDs were dissolved in
chloroform and purified further by centrifugation and double
reprecipitation from methanol.

2. Materials and Methods

2.2. Preparation of Hydrophilic CdSe/ZnS QDs. DSPE-PEG
and PEG-2 PE (2 : 8) were dissolved in 5 mL of chloroform
(CHCl3 ) and 1 mL of the mixture was transferred to a
250 mL three neck round-bottom flask containing CdSe/ZnS
QDs in 5 mL of chloroform. The clear solution was stirred
overnight under nitrogen. When the reaction was complete,
the chloroform was removed by vacuum, and the residue was
mixed with 4 mL of water and transferred to a centrifuge
tube. Subsequently, 40 mL of water was added to the mixed
solution, and the precipitated product was separated by
centrifugation (3,000 rpm for 15 min) and washed with water.
The precipitated product was dissolved in 10 mL of methanol,
and water was then added to ensure that polymer-coated QDs
were suspended.

Trioctyl phosphine oxide (TOPO), trioctyl phosphine
(TOP), and hexadecylamine (HDA) were purchased from
Sigma-Aldrich Co., USA. DSPE-PEG 2000 {1,2-distearoyl-snglycero-3-phosphoethanolamine-N-[carboxy(polyethylene
glycol)-2000]} and PEG-2-PE {1,2-palmitoyl-sn-glycero-3phosphoethanolamine-N-[methoxy(polyethylene glycol)2000]} were purchased from Avanti Polar Lipids, USA. Herceptin was obtained from Roche Pharma Ltd. (Basel, Switzerland). Cell culture reagents, fetal bovine serum (FBS), Dulbecco’s modified eagle medium (DMEM, high glucose), penicillin-streptomycin, trypsin/EDTA, and Dulbecco’s phosphate buffer saline (PBS) were supplied by Gibco BRL (Carlsbad, CA), and the SK-BR3 cells (breast cancer cells) were purchased from Korean Cell Line Bank.

2.3. Immobilization of Herceptin on the Surface of CdSe/ZnS
QDs. The immobilization of herceptin on CdSe/ZnS (QDHer) was carried out by a reaction of water-soluble QDs with
herceptin, as shown in Figure 1. Water soluble QDs (18 mg/
mL) and herceptin (108 mg/mL) were added to a two-necked
round-bottom flask and dissolved in 10 mL of PBS buffer (pH
6.0). EDC (1 mmol) and NHS (1 mmol) were added to the
reaction solution followed by stirring for 5 hrs at room temperature. The reaction solution was filtered to remove the precipitate and then added to a dialysis membrane (MWCO:
100,000) in deionized water media for 24 h to remove the unreacted EDC, NHS, and herceptin. Finally, the solution was
filtered through a 0.45 𝜇m membrane and dried for 24 hrs
under vacuum.

2.1. Synthesis of CdSe/ZnS Core/Shell QDs. The synthesis of
CdSe/ZnS quantum dots was performed using recently reported methods [27, 35]. A mixture of 9 mmol of trioctylphosphine oxide (TOPO), 7 mmol of tetradecyl phosphonic acid
(TDPA), and 0.2 g of cadmium oxide (CdO) was heated to
240∘ C for 20 minutes to obtain a clear solution. A solution containing 0.01 g of Se powder dissolved in 5 mmol of
trioctylphosphine (TOP) was injected quickly into the hot

3. Results
3.1. Physical Characterization. Quantum dot nanoparticles
were ground with KBr powder, compressed into pellets, and
examined by FTIR (Jasco FTIR 300 E spectrometer) spectroscopy with a resolution of 4 cm−1 . Transmission electron
microscopy (TEM, Philips, CM 200 TEM, applied operation
voltage; 120 kV) was used to observe the morphology of
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Figure 1: Schematic diagram showing the immobilization of herceptin on the CdSe/ZnS core-shell quantum dots (QD-Her).

the nanoparticles. To obtain the samples for the TEM observations, the particles were diluted with distilled water and
deposited on Formvar-coated 400 mesh copper grids. After
drying the nanoparticle-fluid thin film on the copper grid,
a thin carbon film, approximately 10–30 nm in thickness,
was deposited on the nanoparticles fluid film. The hydrodynamic diameter and size distribution of the quantum dots
were determined by dynamic light scattering (DLS) using
a standard laboratory built light scattering spectrometer
using a BI90 particle sizer (Brookhaven Instruments Corp.,
Holtsville, NY). The system had a vertically polarized incident
light of 514.5 nm supplied by an argon ion laser (Lexel laser,
model 95). The UV-Vis absorption spectrum was recorded
from aqueous dispersions at room temperature using a
Hitachi U-3000 spectrophotometer.
3.2. Cell Culture. SK-BR3 (breast cancer cells) was used as
the target cell, and KB (epithelial cancer cells) was used
as the control cell line. The cells were cultured routinely
at 37∘ C in a humidified atmosphere containing 5% CO2 in
a polystyrene dish containing 10 mL of McCOY medium
or DMEM medium, supplemented with 10% fetal bovine
serum and 1% penicillin streptomycin G sodium (PGS).
The medium was changed every third day. For subculture,
the cells were washed twice with PBS and incubated with
a trypsin-EDTA solution (0.25% trypsin, 1 mM EDTA) for
10 min at 37∘ C to detach the cells. Complete media were
then added to the polystyrene dish at room temperature to
inhibit the effects of trypsin. The cells were washed twice
by centrifugation and resuspended in complete media for
reseeding and growing in new culture flasks. To observe the
morphology of cells, the cells were seeded at a concentration
of 1 × 105 /mL in a 10 mL Petri dish and incubated for 3 days
with QDs-or QD-Her-containing media at a concentration of
0.2 mg/mL. The morphology of adhered cells was observed by
optical microscopy (Nikon Eclipse TS100, Japan).
To examine the cellular uptake of nanoparticles via
fluorescence microscope and confocal laser microscope, the
cells were seeded at a concentration of 1 × 105 /mL in a 10 mL
Petri dish and incubated for 1 day. After 1 day, the medium
was replaced with QDs and QD-Her-containing media at a
particle concentration of 50 𝜇g/mL and incubated for certain
time (1–6 hrs) for the internalization of the nanoparticles into

the cells. The cells were then washed three times with
Dulbecco’s PBS (D-PBS) and images were taken using fluorescence and confocal laser microscopes. The fluorescence
images were obtained using an Olympus IX70 fluorescence
microscope equipped with a cooled charge-coupled device
(CCD) camera. The images were processed using DVC
view software (version 2.2.8, DVC Company). A Zeiss
LSM 410 confocal laser scanning microscope (Brightness:
700 cd/mm2 , Zeiss, Oberkochen, Germany) was used to
obtain the confocal images. The position and integrity of
the internalized QD-Her conjugates were evaluated by confocal microscopy using 4,6-diamidine-2-phenylindole dihydrochloride (DAPI, blue) as a marker, which stains the nuclei
of the cells. The cell nuclei were stained by the addition of
DAPI solution (10 𝜇L) with proper mixing and incubated
for 10 min. To track the QD-Her nanoparticles, herceptinconjugated QDs and DAPI (488 nm) were added to the cells.
The stained cells were washed at least three times with 1 mL
of fresh McCoy medium and images were then taken by
confocal laser microscopy [37].
The comparative proliferation of SK-BR3 and KB cells in a
medium containing QDs and QD-Her was determined using
a MTT (3-{4,5-dimethylthiazol-2yl}-2,5-diphenyltetrazolium
bromide) assay. Briefly, the SK-BR3 and KB cells were seeded
separately (1 × 105 cell/mL) on 24 well plates in the presence
of a cell culture medium. After 24 h, the culture medium was
replaced with fresh medium containing QDs and QD-Her at
a particle concentration of 200 𝜇g/mL. After incubation for
1, 2, and 3 days, a 50 𝜇L MTT solution (5 mg/mL in PBS) was
added to each well and incubated in a humidified atmosphere
of 5% CO2 at 37∘ C for 4 h. After removing the medium, the
converted dye was dissolved in acidic isopropanol (0.04 N
HCl-isopropanol) and kept for 30 min in the dark at room
temperature. From each sample, the medium (100 𝜇L) was
taken, transferred to a 96-well plate, and subjected to the
ultraviolet measurements of the converted dye. This was
achieved at a wavelength of 570 nm on a kinetic microplate
reader. The experiment was repeated at least three times.
The phase contrast and fluorescence images of the cells
were obtained using a combined explorer system with a
motorized inverted fluorescence microscope (Carl Zeiss
LSM700, Germany), using the topographic images that can
be detected simultaneously. The cell proliferation experiment
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Table 1: Atomic percentage of QDs and QD-Her calculated from
the ESCA survey scan spectra.
Substrates

Amide II

(b)

Amide I

QDs
QD-Her

C
69.3
73.1

Atomic (%)
O
N
24.0
0.7
15.5
10.5

P
6.0
0.5

(a)
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3500
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2500
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1500
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Wavenumber (cm−1 )

Figure 2: FT-IR spectra of the QDs (a), QD-Her (b), and herceptin
(c) measured using the KBr method.

was performed in triplicate and the results were expressed as
mean ± standard deviation (SD). Student’s t-test was used to
assess the statistical significant differences in the results. A 𝑃
value <0.05 was considered significant.

4. Discussions
4.1. Surface Characterization of Herceptin-Immobilized QDs.
The surface modification of QDs with herceptin was confirmed by FTIR, as shown in Figure 2. In the case of the QDs
spectrum, the introduction of DSPE-PEG 2000 to the surface
of the QDs was confirmed by observing the characteristic
peaks at 1700 and 3500 cm−1 , as shown in Figure 2(a), which
was attributed to free carboxyl (–COOH) and hydroxyl (–
OH) groups [38, 39]. Again, after the reaction of the QDs
with herceptin, two new peaks at positions approximately
1648 cm−1 and 1540 cm−1 were observed in the spectrum of
QD-Her (Figure 2(b)), which were assigned to amide I (–
CO–NH–) and amide II (–CO–NH–) bonds, respectively,
indicating the successful immobilization of herceptin on the
surface of the QDs [29, 32].
Figures 3(a) and 3(b) present TEM images of the QDs and
QD-Her, respectively. The QDs have a spherical morphology
with a mean diameter of ∼4.1 nm. Because of the small dimensions and high surface energy of the particles, it was easy for
them to aggregate, as seen in Figure 3(a). On the other hand,
in the case of QD-Her, the particles had a mean diameter
of 4.5 nm, were spherical in shape, and showed significantly
less aggregation (Figure 3(b)). The larger particle size and
nonaggregated particles morphology was attributed to the
conjugation of herceptin on the surface of the QDs. Figure 4
shows the typical size and size distribution of the synthesized
QDs (Figure 4(a)) and QD-Her (Figure 4(b)) measured by
DLS. The mean size of the QDs as determined by DLS was
∼28 nm. On the other hand, the mean size of the QD-Her
was approximately 86 nm. The particle size, as determined
by DLS, was considerably larger than that determined by
TEM. This is because the DLS technique measures the mean
hydrodynamic diameter of the QDs core surrounded by
the organic and solvation layers, and this hydrodynamic

diameter is affected by the viscosity and concentration of
the solution. TEM, however, gives the diameter of the core
alone [29]. The synthesis of CdSe/ZnS core-shell QDs and
herceptin-immobilized QDs was also confirmed by UV-Vis
absorption spectroscopy, as shown in Figure 5. The QDs
showed an absorption onset at 526 nm (Figure 5(a)) and
after herceptin immobilization, it exhibited a red shift to
529 nm [31]. This red shift was caused by strong quantum
confinement due to the increase in particle size. In addition,
the peak at 529 nm attributed to the herceptin labels on the
surface of QDs, because of metal to ligand charge transfer
[34].
The immobilization of herceptin on the surface of QDs
was confirmed by ESCA, as shown in Figure 6. The QDs
showed peaks for five elements corresponding to C1s (binding
energy, 284.0 eV) and O1s (binding energy, 526.5 eV), P2s, 2p
(binding energy, 197.0 eV, 132 eV), and N1s (binding energy,
397.0 eV), as shown in Figure 6(a). On the other hand, after
herceptin immobilization, the QD-Her showed three typical
peaks corresponding to C1s, O1s, and N1s. Table 1 lists the
chemical compositions of the QDs and QD-Her, which were
calculated from the ESCA survey scan spectra. In the case
of the QD-Her, the carbon content (73.1%) was higher than
in the QDs (69.3%). Furthermore, one new element, sulfur
(0.4%), was observed on the surfaces of the QD-Her, and
in the case of QD-Her, the nitrogen content increased from
0.7% to 10.5%, indicating the successful immobilization of
herceptin on the surface of the QDs. One possible explanation
for the reduction in the P2s, 2p, and S2p peaks is the
photoelectrons with energy loss and the increase in the
binding energy during immobilization with herceptin [40].
4.2. Evaluation of Cytotoxicity. Figure 7 shows the status of
the “Live/Dead” dye-stained SK-BR3 and KB cell cultured
in the presence of QDs and QD-Her for 1 and 3 days of
incubation. Using this qualitative method, the living and dead
cells were stained in green and red under the fluorescence
microscope, respectively. Figure 7 shows that all the KB cells
remained viable after 3 days of incubation, irrespective of the
presence or absence of nanoparticles. On the other hand, after
a culture of 1 and 3 days, in the presence of QD-Her, most of
the SK-BR3 cells had died, as shown in Figures 8(e) and 8(f).
On the other hand, most of the SK-BR3 cells remained viable
in the presence of the QDs and in the polystyrene culture dish
(Figures 7(a)–7(d)), but a nonsignificant number of cells were
dead in the QD-Her case. A possible explanation of this large
decrease in cell viability in the case of QD-Her is that intracellularly delivered herceptin exhibits acute apoptotic activity
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Figure 3: TEM images of the QDs (a) and QD-Her (b).
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Figure 4: Particle size distribution of the QDs (a) and QD-Her (b) measured by dynamic light scattering (DLS).
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Figure 5: UV-Vis absorption spectra of the QDs (a) and QD-Her (b)
in aqueous solution.

by interacting with several transcription factors related to
cell proliferation [39]. Previously, Bae et al. reported that
degradable heparin nanogels and heparin/chitosan polyelectrolyte nanocomplexes could effectively induce apoptosis via
receptor-mediated endocytosis through specific herceptinHER2 integrin interaction [39]. The endocytosed QD-Her
within the cells would release free herceptin molecules in
the cytoplasm by cleaving the QD-herceptin linkage under
the reductive intracellular environment, which has 300 times

800

600

400

200

0

Binding energy (eV)

Figure 6: ESCA survey scan spectra of the QDs (a) and QD-Her (b).

higher glutathione (GSH) concentration (20 Mm) than the
extracellular level [41]. GSH is the most abundant reducing agent in the cytoplasm, facilitating the detachment of
herceptin from the QDs by breaking the PEG-herceptin
linkage. In addition, nanoparticles are taken up by the cells
through endocytosis, which disrupts the cell membrane [32],
or weak cell adhesive interactions with QDs promote apoptosis (programmed cell death). The core-shell nanoparticles
conjugated with herceptin may act as cellular markers and
target the receptors expressed on the cell surface with cellular
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Figure 7: Fluorescence microscopy images of live and dead KB cells after culturing for 1 and 3 days in a polystyrene culture dish ((a), (b))
and in the presence of QDs ((b), (d)) and QD-Her ((e), (f)). The live and dead cells were stained and visualized in green and red, respectively,
under a fluorescence microscope.
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Figure 8: Fluorescence microscopy image of the live and dead SK-BR3 cells after culturing for 1 and 3 days in a polystyrene culture dish
((a), (b)) and in the presence of QDs ((b), (d)) and QD-Her ((e), (f)). Live and dead cells were stained in green and red, respectively, under a
fluorescence microscope.

BioMed Research International

7
P < 0.01

0.6
P < 0.01
Absorbance (570 nm)

0.5
0.4
0.3
0.2
0.1
0.0
3 days

1 day

Incubation time

Figure 9: MTT assay, absorbance as a measure of the cell proliferation of SK-BR3 cells cultured in the PS culture dish (the red bar), in the
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Figure 10: Fluorescence images obtained from the culture of SK-BR3 cells for 1, 3, and 6 hrs in the presence of DAPI and QD-Her.

internalization. The receptors are highly regulated by the cell
surface proteins [37], which mediate the specific interactions
between the cells and their extracellular milieu, and they
are generally localized on the plasma membrane [33]. This
suggests that the cytotoxicity of QDs was improved by the
conjugation of DSPE-PEG and PEG-2-PE (Figures 7(c), 7(d))
and herceptin (Figures 7(e), 7(f)), as determined by the
viability of KB cells (see Figure 7).
Figure 9 shows the viability of SK-BR3 cells cultured for
1 and 3 days in the presence of QD-Her, as determined by
the MTT assay. After 1 and 3 days of incubation, the level of
SK-BR3 cell proliferation in the presence of QDs was similar
to that of the cells cultured in the absence of nanoparticles
(PS culture dish). On the other hand, cell proliferation
in the presence of QD-Her was significantly lower than
that of the QDs. Therefore, the CdSe/ZnS quantum dots
conjugated with herceptin could increase the death of SK-BR3
cells considerably compared to the CdSe/ZnS quantum dots
without herceptin.

4.3. Evaluation of Intracellular Uptake. The uptake of QDHer into the target cells was visualized by fluorescence
microscopy. Figure 10 shows fluorescence images obtained
from the cultured SK-BR3 cells that had been incubated for
up to 6 hrs in the presence QD-Her. During the cell culture
in the presence of QD-Her, a significant number of nanoparticles were transported into the cells and emitted intense
fluorescence. This suggests that the QDs carrying herceptin
provide specific recognition signals for the nanoparticles to
facilitate internalization into the target cells (SK-BR3 cells).
The interaction of the herceptin from the QDs with the HER2 receptors expressed on the membrane surface of the SKBR3 cells might have contributed to the improvement in the
internalization of QD-Her into the cells, based on receptormediated endocytosis [29]. Gan et al. reported similar results
[42]. They introduced a hepatocarcinoma binding peptide
(A54) onto the surface of the magnetite nanoparticles and
examined their interaction with hepatocellular carcinoma
cells in vitro by fluorescence microscopy. Internalization of
the herceptin-conjugated nanoparticles (QD-Her) into SKBR3 occurred. Breast cancer cells expressing HER-2 receptor
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were quite sensitive to herceptin. Figure 10 shows that herceptin is an effective antibody, binding specifically to the
HER-2 receptor-bearing breast cancer cells. The internalization of QD-Her into SK-BR3 cells was confirmed by confocal
laser microscopy to characterize the delivery of QD-Her
to the cytoplasm of the SK-BR3 cells. Figure 10 shows the
fluorescence image derived from the nucleus of the SKBR3 cells (DAPI, blue) and QD-Her internalized (green).
The cells were cultured in the presence of QD-Her at various incubation times (Figure 10). Weak QD-Her conjugates
were observed in the fluorescence image (green color) after
1 hr (Figure 10(a)) and slightly higher fluorescence image
was observed after 3 hrs (Figure 10(b)). Intense fluorescence
image was noted after 6 hrs (Figure 10(c)). On the other hand,
the blue fluorescence image derived from the nuclei stained
with DAPI was strong after 1 hr incubation but it decreased
with increasing incubation time and almost disappeared after
6 hrs incubation. In particular, the interaction of SK-BR3 with
QD-Her began after 1 hr incubation and was accelerated and
saturated after 6 hrs. The confocal microscopy images suggest
that the nanoparticle-mediated delivery of monoclonal antibodies was achieved efficiently, resulting in cell death. The
mechanism of internalization involves endocytosis followed
by the release of herceptin-conjugated nanoparticles to the
cytoplasm [37]. This suggests that the growth signal of breast
cancer cells is inhibited completely by the specific binding of
the herceptin to the Her-2 receptor of SK-BR3 membrane,
resulting in cell death [38].

5. Conclusions
DSPE-PEG-coated CdSe/ZnS core-shell quantum dots (QDs)
were conjugated successfully with the herceptin antibody.
Herceptin immobilized QDs (QD-Her) were confirmed by
FTIR and XPS. The QD-Her size determined by DLS was
∼86 nm. The QD-Her had no cytotoxicity on the control cells
(KB) compared to the target cells (SK-BR3). QD-Her was
internalized selectively into the target cells (SK-BR3), and free
herceptin was released in the cytoplasm, which induced acute
apoptosis. The QD-Her nanoparticles were endocytosed by
breast cancer cells (SK-BR3) to a large extent via a receptormediated mechanism, where herceptin conjugated on the
nanoparticles targets the HER-2 receptor expressed on the
membrane of the cancer cells [39]. Therefore, QD-Her has a
potential use in optical imaging and the treatment of breast
cancer cells.
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Titanium was treated with 3,4-dihydroxy-L-phenylalanine (DOPA) or dopamine to immobilize bone morphogenetic protein-2
(BMP2), a biomolecule. DOPA and dopamine solutions turned into suspensions, and precipitates were produced at high pH. Both
treatments produced a brown surface on titanium that was thicker at high pH than low pH. Dopamine produced a thicker layer
than DOPA. The hydrophobicity of the surfaces increased after treatment with dopamine independent of pH. Furthermore, there
were more amino groups in the layers formed at pH 8.5 than pH 4.5 in both treatments. Dopamine treatment produced more
amino groups in the layer than DOPA. BMP2 was immobilized on the treated surfaces via a coupling reaction using carbodiimide.
More BMP2 was immobilized on surfaces treated at pH 8.5 than pH 4.5 in both treatments. The immobilized BMP induced specific
signal transduction and alkali phosphatase, a differentiation marker. Thus, the present study demonstrates that titanium treated with
DOPA or dopamine can become bioactive via the surface immobilization of BMP2, which induces specific signal transduction.

1. Introduction
Biomedical engineering has the potential to improve the
quality of human life. Chemical modification of biological
signaling molecules such as cell growth factors on implants
is important in clinical therapeutics. Titanium is a biocompatible implant material but does not have specific biofunctionality. The adsorption of plasma proteins onto titanium surfaces plays an essential role in implant integration.
The bioactivation of implants requires the functionalization
of an implant surface with signaling molecules [1–3].
The formation of new bone is required for successful outcomes in bone fracture repair and dental implants. Efficient
bone formation depends on the recruitment of osteoblast
precursors to the site followed by osteoblast maturation,
matrix deposition, and mineralization [4, 5]. Bone morphogenetic protein-2 (BMP2) is a signaling protein known to play

important roles in the bone healing process and enhancing
therapeutic efficacy [6, 7]. Therefore, coating or immobilizing
BMP2 onto organic or inorganic surfaces is reported to
enhance the osseointegration of materials [8–16].
Some researchers report physically coating titanium with
BMP [17–19]. In addition, Kashiwagi et al. [20] prepared
titanium-binding BMP using their selective titanium-binding
peptide. On the other hand, in order to create stable covalent
immobilization, Puleo et al. [21] performed plasma polymerization of allylamine on a titanium surface. Meanwhile, others
prepared chitosan, dextran, or polymer layers on titanium to
covalently immobilize BMP [22–25].
However, the covalent modification method of inorganic surfaces is limited, although there are some specific
methodologies such as silane coupling. Therefore, Lee et al.
[26, 27] devised a new convenient and universal method.
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Underwater adhesive proteins containing 3,4-dihydroxy-lphenylalanine (DOPA) from mussel protein play important
roles in adhesion to various materials including polymers,
metals, and ceramics. Therefore, Lee et al. hypothesized that
the coexistence of catechol (i.e., DOPA) and amine (i.e.,
lysine) groups is crucial for achieving adhesion to a wide
variety of materials. They consequently identified dopamine
as a small-molecule compound that contains both functionalities and found that it is useful for the surface modification
of various materials [26, 27]. Material surfaces were treated
with dopamine to immobilize biological molecules including
growth factors [28–34]. This dopamine treatment resulted in
“polydopamine” or “melanin-like” films produced through
the oxidation of dopamine or other catecholamines such
as norepinephrine. Thus, this represents a very convenient
and universal method for adding an organic layer to various
materials including polymers, metals, and ceramics.
Meanwhile, Lai et al. [35] utilized this dopamine treatment method to conjugate BMP on titanium for the first
time; the covalent conjugation was performed under alkaline
conditions as suggested by Lee et al. [28]. The surface functionalization of TiO2 nanotubes with BMP2 was beneficial
for mesenchymal stem cell proliferation and differentiation.
Their approach hints at potential applications in enhanced
bone osseointegration stemming from the development of
titanium-based implants.
We previously found that dopamine-treated surfaces
contain amino groups that can be utilized for protein
immobilization [33]. Therefore, in this study, we covalently
immobilized BMP2 on dopamine-treated titanium surfaces
using the amino groups. In addition to dopamine, DOPA was
used for surface treatment as a link between titanium and
BMP2, and the effect of BMP2 immobilization on titanium
surfaces was investigated.

2. Materials and Methods
2.1. Materials. DOPA was purchased from Sigma (St. Louis,
MO, USA). 3,4-Dihydroxyphenethylamine hydrochloride
(dopamine) and N-hydroxysuccinimide (NHS) were purchased from Wako Pure Chemical Industries (Osaka, Japan).
1-Ethyl-3-(3-dimethylaminopropyl) carbodiimide hydrochloride (water-soluble carbodiimide (WSC)) was obtained
from Dojindo (Kumamoto, Japan).
A glass plate (diameter, 15 mm; thickness, 1 mm) was
coated by vacuum deposition with titanium (400 nm thick
(±25%)) by Osaka Vacuum Industries Co. (Osaka, Japan) as
previously reported [33].
Recombinant human BMP2 was purchased from R&D
Systems Inc. (Minneapolis, MN, USA). Polyclonal antihuman BMP2 antibody was purchased from Abcam (Cambridge, UK). Horseradish peroxidase (HRP)-conjugated secondary antibody was obtained from Zymed (Carlsbad, CA,
USA). Block Ace Powder was obtained from DS Pharma
Biomedical (Sapporo, Japan).
2.2. Solution Measurement. Dopamine solution (2 mg/mL)
was prepared in 10 mM Tris-buffer (adjusted to various
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pH values). After reacting at room temperature for 24 h,
ultraviolet (UV) measurement was performed. Detection was
carried out on the basis of using the absorbance at 500 nm.
UV measurement was performed using a JASCO V-550
(Tokyo, Japan).
2.3. Surface Treatment. The surfaces of the plates were
washed in hexane solution, cleaned with 6 M hydrogen
chloride for 10 min, rinsed twice with triple-distilled water,
dried in a vacuum oven for 24 h, and cleaned photochemically
using an excimer UV lamp (USHIO Inc., Tokyo, Japan) for
10 min before incubation in dopamine solution; this method
was applied to completely remove C–C bonds and avoid
the subsequent decomposition of organic molecules. The
complete removal of organic material was confirmed by the
observed decrease in the water contact angle.
Next, DOPA or dopamine treatment was performed. The
cleaned plates were placed in a flask containing 2 mg/mL
dopamine or DOPA solution in water (pH 4.5) or 10 mM
Tris-buffer (adjusted to pH 8.5). The reaction was performed
at room temperature for 24 h. The treated TiO2 was rinsed
in fresh water and dried in a clean vacuum oven at room
temperature for 24 h.
To immobilize BMP2 on the surfaces of the plates, BMP2
solution was mixed with an aqueous solution of 50 mM WSC
and 20 mM NHS. The treated plates were immersed in the
mixed solution for 48 h at 4∘ C. After incubation, the plates
were washed 3 times with phosphate-buffered saline (PBS).
2.4. Surface Analysis. The static water contact angles of the
sample surfaces were measured at 25∘ C in air by a contactangle meter (Kyowa Interface Science Co., Tokyo, Japan)
based on the sessile drop method. All contact angles were
determined by averaging 10 different point values measured
on each dopamine-treated surface.
The thickness of the polymer was measured by an ellipsometer M-2000DI (JA Woollam Company, NE, USA) from
195 to 1,500 nm at 3 angles: 65∘ , 70∘ , and 75∘ . The surface
roughness was analyzed by a New View 5032 apparatus (Zygo
Co., Middlefield, CT, USA).
Fluorescein isothiocyanate (FITC) was used to determine
the amount of amino groups on a surface. FITC solution
(100 𝜇L, 10 mg/mL) in dimethylsulfoxide was mixed with
1 mL 0.1 M sodium bicarbonate solution (pH 9.0). The sample
plate modified with DOPA or dopamine was incubated in the
solution at room temperature for 1 h and subsequently rinsed
10 times with PBS. FITC was quantified by an AxioVision
instrument (Zeiss, Oberkochen, Germany) with a Cool SNAP
HQ camera (Photometrics, Tokyo, Japan).
Immobilized BMP2 was detected using an anti-BMP2
antibody. The plate was rinsed with PBS-Tween (PBS-T)
(0.1%) and blocked by incubation in an aqueous solution
of 1% nonfat milk for 30 min. The plate was subsequently
incubated with an anti-BMP2 antibody (1 : 2,000 dilution)
overnight at 4∘ C and washed 3 times with PBS-T (0.1%) before
being incubated with an HRP-conjugated secondary antibody (1 : 10,000 dilution) for 1 h at room temperature. After
washing 3 times with PBS-T (0.1%), a chemiluminescence
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reaction was performed using an ECL Plus Western Blotting
Detection System (GE Healthcare, Fairfield, CT, USA) and
was observed by Light-Capture (ATTO, Tokyo, Japan).

2.6. Statistical Analysis. Statistical analyses were performed
using Student’s 𝑡-test for paired samples and analysis of
variance for multiple samples.

3. Results and Discussion
3.1. DOPA and Dopamine Treatment. The properties of
DOPA and dopamine solution were investigated on the basis
of turbidity (Figure 1). Both solutions were transparent at low
pH even after 24 h and turned turbid and brown at high pH.
After 24 h, some precipitate was found in dopamine solution
at high pH. Although the turbidity change of the DOPA
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2.5. Cell Culture. BRE-Luc C2C12 cells, which have a
luciferase reporter gene with a BMP2-specific enhancer
derived from inhibitor of differentiation (Id)1 promoter, were
cultured in DMEM (Sigma, St. Louis, MO, USA) supplemented with 5% fetal bovine serum (Moregate Inc., Hamilton, Waikato, New Zealand) and 1% penicillin-streptomycin
(Wako Pure Chemical Industries, Osaka, Japan) at 37∘ C in
95% humidified air/5% CO2 . The cells were then washed
with 5 mL PBS and harvested using a 0.25% trypsin solution
containing 1 mM EDTA (Wako Pure Chemical Industries,
Osaka, Japan) for 3 min at 37∘ C. Finally, the recovered cells
were suspended in medium for the subsequent in vitro
examination.
To monitor BMP signaling, the cell suspension was added
to 24-well tissue culture polystyrene plates (0.5 mL/well, 1 ×
105 cells/mL) containing the samples, which were previously
washed with sterilized PBS. After the cells were cultured in a
5% CO2 atmosphere at 37∘ C for 48 h, they were washed with
PBS and disrupted with lysis reagent (Promega, Madison, WI,
USA). The luciferase activity in the lysate was measured using
a luciferase assay reagent kit (Promega, Madison, WI, USA)
with a Mithras LB940 luminescence plate reader (Berthold
Technologies, Bad Wildbad, Germany). The observed activity
was normalized to the protein content in the cell lysate,
which was determined using a BCA protein assay kit (Pierce,
Rockford, IL, USA).
As a marker of osteogenetic differentiation, alkaline phosphatase activity was measured as previously reported [36].
C2C12 cells suspension was added to 24-well tissue culture
polystyrene plates (0.5 mL/well, 5 × 103 cells/mL) containing
the samples, which were previously washed with sterilized
PBS. The cells were cultured in a 5% CO2 atmosphere
at 37∘ C for 10 days (changing the media every 2 days),
washed with Tris-buffered saline, and disrupted with Trisbuffered saline containing 0.2% Triton X-100. The alkaline
phosphatase activity was measured using the fluorescent
substrate, 4-methylumbelliferyl phosphate (Sigma, St. Louis,
MO, USA), with a Mithras LB940 luminescence plate reader.
The observed activity was normalized to the protein content
in the cell lysate, which was determined using a BCA protein
assay kit.
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Figure 1: Photograph (a) and turbidity (b) of DOPA and dopamine
solutions at different pH values. The turbidity data of dopamine
solution are from Kang et al. [33].

solution appeared to be greater than that of dopamine, the
lower turbidity was due to the precipitation of aggregated
dopamine. Therefore, dopamine was considered more reactive than on DOPA.
When titanium-coated glass was treated with either
DOPA or dopamine, the surface turned brown at pH 8.5
(Figure 2). The brown color was denser on dopamine-treated
surfaces than DOPA-treated surfaces. In contrast, no significant color change was observed when the surfaces were
treated at pH 4.5. The color change coincided with the
thickness. The layer formed by DOPA was thinner than that
formed by dopamine (Table 1). In the case of dopamine, the
formed layer at pH 8.5 was about 28 times thicker than that
formed at pH 4.5 (Table 1); in the case of DOPA, the surface
was less than 5 times thicker.
However, the assessment of surface hydrophilicity on the
basis of contact angle measurements revealed that the water
contact angle of surfaces increased with DOPA or dopamine
treatment even at pH 4.5; the contact angles on the surface
were almost the same with treatment at pH 4.5 and pH
8.5 (Table 1). This indicates that the titanium surfaces were
fully covered by DOPA or dopamine at pH 4.5 as described
previously [33]. Therefore, the present results indicate the
effect of dopamine is stronger than that of DOPA. The
carboxyl group in DOPA is specifically considered to reduce
the reactivity.
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Treatment

pH

Thickness
(nm)

Water contact
angle (∘ )

—

—

0

0

DOPA

4.5
8.5

64.0 ± 1.9
67.8 ± 1.4

0.676 ± 0.017
3.225 ± 0.073

Dopamine

4.5
8.5

51.4 ± 1.9
54.7 ± 1.1

0.798 ± 0.073
22.05 ± 1.048

40
Amino groups (ng/cm2 )

Table 1: Water contact angle and thickness of the DOPA and
dopamine layers formed on titanium.
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Figure 3: Amounts of amino groups on DOPA- and dopaminetreated titanium.
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Figure 2: Images (a) and water contact angle (b) of DOPA- and
dopamine-treated titanium.

The amount of amino groups present on DOPAor dopamine-treated surfaces was measured using FITC
(Figure 3). The amount of amino groups in the organic layer
was about 3-fold greater at pH 8.5 than pH 4.5 in both
treatments; the increase was greater than that of thickness.
On the other hand, more amino groups were formed by
dopamine than DOPA. Because the amount of amino groups
did not increase linearly with increasing thickness, the carboxyl group in DOPA reacted with amino group and reduced
it.
BMP2 was immobilized by WSC on both the DOPA- and
dopamine-treated titanium surfaces, and the immobilization
was confirmed by anti-BMP2 antibody (Figure 4). The surface was treated with the BMP2 solution in the absence of
WSC and subsequently washed until no nonspecific BMP2
adsorption was detected by anti-BMP2 antibody. The same
washing condition was employed for the surfaces treated
in the presence of WSC. More BMP2 was immobilized on
the surface treated with dopamine at pH 8.5 than pH 4.5.
In addition, there was more BMP2 immobilized on the
dopamine-treated surfaces than the DOPA-treated surfaces.
BMP2 immobilization increased monotonously with increasing amino groups in the layer as shown in Figure 5.

pH 4.5

pH 8.5

DOPA

pH 4.5

pH 8.5

Dopamine

Figure 4: Amounts of BMP2 immobilized on DOPA- and dopamine-treated titanium.

3.2. Biological Activity. After confirming the immobilization
of BMP2 on titanium surfaces, BRE-Luc C2C12 cells were
seeded and incubated for 2 days. Id proteins act as dominantnegative inhibitors of basic helix-loop-helix transcription
factors. Id and basic helix-loop-helix proteins dictate cellular
programs of differentiation and proliferation in various cell
types in an opposing manner. BMP2 inhibits myogenic
differentiation and regulates bone formation. Id1 is strongly
induced by BMP2 and is an important mediator of the
inhibitory effect of BMP2 on myogenic differentiation [36,
37]. The results of luciferase activity indicate that BMP2
immobilized on titanium surfaces significantly activated the
reporter gene (Figure 6). Thus, the results demonstrate that
BMP2 interacts with the receptor even after immobilization.
The induction on dopamine-treated and BMP2-immobilized
surfaces was more enhanced than on DOPA-treated and
BMP-immobilized surfaces, although the difference was not
significant.
An alkali phosphatase assay was performed on C2C12
cells cultured for 10 days on the titanium surface with immobilized BMP2 (Figure 7). These cells are usually employed
to study the differentiation of myoblasts and osteoblasts.
Alkaline phosphatase is a marker of bone formation; its
induction indicates cell differentiation from the myoblastic to
the osteoblastic lineage. Although no significant difference of
cultured cells was observed by microscopy, the immobilized
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Figure 5: The relationship between the amino groups (from
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Figure 7: Induction of alkaline phosphatase activity in BRE-Luc
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BMP2 induced osteogenic differentiation. There was no
significant difference between BMP2-immobilized surfaces.
Covalent immobilization using functional groups in BMP
is categorized into amino groups and carboxyl groups. Tsujigiwa et al. [9], Park et al. [11], Schmoekel et al. [12], and
Lai et al. [35] used amino groups in BMP. On the other
hand, Puleo et al. [21] used carboxyl groups in BMP. In this
study, we employed carboxyl groups in BMP for covalent
immobilization and found a significant effect of immobilized
BMP.

4. Conclusions
BMP2 is covalently immobilized on dopamine-treated titanium surfaces. The immobilized BMP2 specifically interacts with myoblasts and induces osteogenic differentiation.
Therefore, the present method is convenient for covalently
immobilizing BMP2 while retaining its biological activity.
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Biodegradable poly(L-lactic acid) (PLA) fibrous scaffolds were prepared by electrospinning from a PLA melt containing
poly(ethylene glycol) (PEG) as a plasticizer to obtain thinner fibers. The effects of PEG on the melt electrospinning of PLA were
examined in terms of the melt viscosity and fiber diameter. Among the parameters, the content of PEG had a more significant
effect on the average fiber diameter and its distribution than those of the spinning temperature. Furthermore, nano-/microfibrous
silk fibroin (SF)/PLA and PLA/PLA composite scaffolds were fabricated by hybrid electrospinning, which involved a combination
of solution electrospinning and melt electrospinning. The SF/PLA (20/80) scaffolds consisted of a randomly oriented structure of
PLA microfibers (average fiber diameter = 8.9 𝜇m) and SF nanofibers (average fiber diameter = 820 nm). The PLA nano-/microfiber
(20/80) scaffolds were found to have similar pore parameters to the PLA microfiber scaffolds. The PLA scaffolds were treated with
plasma in the presence of either oxygen or ammonia gas to modify the surface of the fibers. This approach of controlling the surface
properties and diameter of fibers could be useful in the design and tailoring of novel scaffolds for tissue engineering.

1. Introduction
Electrospinning from melt is an attractive solvent-free manufacturing process for tissue engineering scaffolds [1]. Melt
electrospinning has inherent advantages, such as cleaner processing with environmental safety and higher productivity
(with lower production cost) due to the absence of solvent. In
addition, melt electrospinning is particularly attractive for its
applicability to commodity polymers, such as polypropylene
and polyethylene, which are only soluble in limited solvents
and require high temperature for dissolution [2–7]. However,
a polymer melt has higher viscosity than the solution state,
which usually generates thicker micron-sized fibers than
those of solution electrospinning. In addition, the tendency
of the polymer to solidify as it flows out of a nozzle hinders the
stretching of the polymer jet, thus resulting in microfibers [8].
In order to fabricate thinner fibers via melt electrospinning, the viscosity of a polymer melt should be reduced by

adjusting the processing parameters or polymer parameters.
Important parameters reported for melt electrospinning are
the molecular weight, tacticity, melting point of the polymer,
electric field strength, distance from the nozzle, mass flow
rate, and process temperatures (electrospinning temperature, heating chamber temperature) [9–13]. Detta et al. [14]
melt electrospun a novel blend of a high molecular weight
polymer, poly(𝜀-caprolactone), with a low molecular weight
polymer, poly(ethylene glycol)-block-poly(𝜀-caprolactone). It
was noted that the diameter of the fiber obtained was in the
micron range and was directly related to the mass flow rate.
Dalton et al. [9] employed a viscosity-reducing additive to
reduce the diameter of fiber electrospun from the polymer
melt. They found that the additive reduces the average chain
length and thus reduces the viscosity of the polymer solution
and, with it, the fiber diameter.
Nanofibrous structures produced by electrospinning
(with nanosized fiber diameter, appropriate pore size, and
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high surface area) are very useful in the design of scaffolds for
tissue engineering via higher cell absorption on a material.
Melt electrospinning can be a better technology for fibrous
scaffolds, because it avoids toxic solvents. Several polymers to
date have been melt electrospun into microfibrous scaffolds
for tissue engineering applications [15–17]. Poly(lactic acid)
(PLA) is one of the most widely used synthetic polymers in
biomedical applications. PLA has been widely used in the
areas of surgical suture, implant materials, drug carriers, and
scaffolds for tissue engineering [18, 19]. However, PLA has
poor hydrophilicity, and no natural cell recognition sites exist
on its surface [20].
This study examined the melt- and hybrid electrospinning of PLA, which is a promising biomaterial for scaffolds
with good biocompatibility and biodegradability. To this end,
a plasticizer additive for the PLA melt was used to reduce the
viscosity of the polymer melt and decrease the fiber diameter.
Also, the effects of the processing parameters, such as spinning (syringe) temperature (𝑇𝑠 ), mass flow rate (𝑄), and heating chamber temperature (atmospheric temperature), were
investigated. In addition, the melt- and hybrid electrospun
PLA fibers were treated with oxygen or ammonia plasma
in order to improve their surface hydrophilicity. Changes in
the surface characteristics, including the hydrophilicity and
chemical composition, were investigated using contact angle
measurement, moisture content, and X-ray photoelectron
spectroscopy.

2. Materials and Methods
2.1. Materials. PLA (𝑀V = 70,000) with 𝐿 content >95%
was supplied by Huvis Co., Korea. PEG (𝑀𝑛 = 2,000) was
purchased from Yakuri Pure Chemicals Co., Japan, and used
as received. Raw 12-denier silk fibers (B. mori) were supplied
by Daejeon Sangsa Co., Korea, and silk fibroin (SF) was
regenerated according to the methods in a previous study
[21]. Dimethyl formamide (DMF), chloroform, and 1,1,1,3,3,3hexafluoro-2-propanol (HFIP) were purchased from SigmaAldrich Co., USA, and used without further purification.
2.2. Melt- and Hybrid Electrospinning. Figure 1 shows a
schematic diagram of the hybrid electrospinning apparatus
(Nano NC, Korea). The spinneret for melt electrospinning
consisted of a stainless steel tube capable of oil circulation
and a glass syringe placed inside the stainless steel tube.
The temperature of the glass syringe was controlled using
an oil circulator with a temperature controller. In the melt
electrospinning process, PLA microfibers were prepared by
electrospinning a PLA melt at temperatures ranging from 185
to 225∘ C and were collected on a target drum at a distance
of 8 cm from the syringe tip (21 G, 0.495 mm). A voltage of
21 kV was applied to the collecting target using a high-voltage
power supply (Chungpa EMT, CPS-40K03), and the mass
flow rate of the melt was varied from 0.65 to 5.40 mL/h using
a syringe pump (KD Scientific, Model 100). The atmosphere
temperature in the heating chamber was controlled in the
range from 25 to 65∘ C.
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Figure 1: Schematic diagram of the hybrid electrospinning apparatus.

In the solution electrospinning compartment, the PLA
and SF nanofibers were prepared by electrospinning a PLA
solution (14 wt%) in chloroform/DMF (5/1, v/v) and an SF
solution (7 wt%) in HFIP, respectively. The nanofibers were
collected on a target drum placed 5 cm from the syringe tip
(21 G). A voltage of 8 kV was applied to the collecting target by
a high-voltage power supply, and the flow rate of the solution
was 4 mL/h.
For the PLA/PLA or SF/PLA nano-/microfiber composite
scaffolds, a PLA solution (14 wt%) and SF solution (7 wt%)
and PLA melt were electrospun simultaneously in opposite
directions facing the rotating target. The compositions (10/90,
20/80, 30/70, w/w) of the nano-/microfiber composite scaffold were controlled by adjusting the mass flow rate of the
PLA melt from 0.65 to 5.40 mL/h at a fixed flow rate of
the solution (4 mL/h). The melt- and hybrid electrospinning
conditions for PLA microfibrous and nano-/microfibrous
scaffolds are summarized in Table 1.
2.3. Plasma Treatment. Plasma treatment is known to be
an environmentally friendly process to improve the surface
hydrophilicity of polymer scaffolds. The O2 or NH3 plasma
treatments were carried out with the melt electrospun PLA
or hybrid electrospun PLA/PLA fibers in a chamber (36 cm ×
25 cm × 15 cm) connected to a two-stage rotary pump via
a liquid nitrogen cold trap with a base pressure of 4 ×
10−3 mbar. An L-S matching unit was used to minimize the
standing wave ratio (SWR) of the power transmitted from the
13.56 MHz radio frequency generator. Prior to each plasma
treatment, the chamber was cleaned using 50 W air plasma
for 30 min. A piece of the PLA fibers was then placed at
the center of the chamber, followed by evacuation to the
base pressure. O2 or NH3 gases were admitted into the
system through a needle valve at a pressure of 0.2 mbar, and
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Table 1: Melt- and hybrid electrospinning conditions of PLA microfibers and PLA composite fibers.
Sample

PEG content
(wt%)

PLA microfiber
PLA/PLA (20/80)
Nano-/microfibers
SF/PLA (20/80)
Nano-/microfibers

Melt electrospinning
𝐷𝑛
V (kV)
𝑇𝑠 (∘ C) Q (mL/h)
(mm)

TCD
(cm)

Solution electrospinning
𝐷𝑛
𝑇𝑠 (∘ C) Q (mL/h)
V (kV)
(mm)
—

TCD
(cm)

0∼20

215

0.65∼5.40

0.495

21

8

10

215

1.12

0.495

21

8

25

4

0.495

10

5

10

215

1.12

0.495

21

8

25

4

0.495

10

5

𝑇𝑠 : spinning temperature.
Q: mass flow rate.
𝐷𝑛 : needle diameter.
V: applied voltage.
TCD: tip to collector distance.

the electrical discharge was initiated. To detect the effect
of plasma gas on the PLA fiber, the plasma treatment was
carried out under the conditions for 0–300 sec with O2
gas and for 0–60 sec with NH3 gas, respectively. Upon the
completion of surface modification, the gas feed was turned
off and the chamber was vented to the atmosphere. All plasma
treatments were carried out at room temperature (22 ± 1∘ C).
2.4. Moisture Content. The moisture content of the melt electrospun PGA microfibers and hybrid electrospun composite
fibers (200 mg) was determined by immersing the fibers in
distilled water for 1 h at room temperature [22]. The hydrated
samples were then taken out and immediately weighed after
removing the surface water with filter paper. The water
content (WC, %) was calculated as follows: WC(%) =
(𝑊 − 𝑊0 )/𝑊0 × 100, where 𝑊0 and 𝑊 denote the weight
of the sample before and after immersion in water for 1 h,
respectively.
2.5. Measurements and Characterization. The melt viscosity was measured using a rheometer (ARES, Rheumatics,
USA) with a shear rate of 10 rad/sec from 150 to 210∘ C.
The morphology of electrospun PLA fibers was observed
by field emission scanning electron microscopy (FE-SEM,
JSM-7000F, JEOL, Japan). Prior to the observations, the
samples were coated with platinum by ion sputtering for
a few seconds. The average fiber diameter and diameter
distribution were obtained by analyzing the SEM images
with a custom-code image analysis program (Scope Eye II,
Korea). The porosity and pore parameters in the interfiber
region of PLA fibers were determined using a mercury intrusion technique with an AutoPore III mercury porosimeter
(Micromeritics Instrument, Norcross, GA, USA). Differential
scanning calorimetry (DSC) was conducted using a TA
instruments 2920 (duPont Co.). Samples were heated from
20∘ C to 200∘ C at a rate of 10∘ C/min (first heating) and held
at the final temperature for 1 min to eliminate the thermal
history applied to the samples. After cooling to −100∘ C,
they were then reheated to 200∘ C at a rate of 10∘ C/min
(second heating). The glass transition temperature (𝑇𝑔 ), melting temperature (𝑇𝑚 ), and cold crystallization temperature
(𝑇𝑐 ) were obtained from the second run. The mechanical

properties of the electrospun PLA scaffolds were measured
using an Instron tensile tester (Instron 8511, Canton, MA,
USA) at a crosshead speed of 5 mm/min. The samples were
prepared using the D-638-5 ASTM method and tested at
25∘ C and 50% humidity (𝑛 = 10). The contact angle of
water droplets on the samples was measured using a DSA100
Drop Shape Analyzer System (KRÜSS, Germany). Deionized
water was used, and ten independent measurements were
averaged. The surface chemical composition of PLA fibers
was investigated before and after plasma treatment using Xray photoelectron spectroscopy (XPS). XPS spectra of the
plasma-treated samples were acquired on an ESCALAB 250
XPS spectrometer (VG Scientific, USA).

3. Results and Discussion
3.1. Effect of Plasticizer on the Thermal Properties of PLA.
The melt electrospinning process is strongly affected by the
viscosity of the polymer melt, which is strongly dependent
on the temperature for thermoplastic polymers. Therefore,
it is important to examine the melt viscosity of a polymer
in the temperature range of possible processing. Figure 2
shows the change in melt viscosity of PLA with temperature
and PEG plasticizer content. The melt viscosity of neat
PLA was 5,300 Poise at 185∘ C and gradually decreased to
500 Poise with increasing PEG content up to 20 wt%. The
melt viscosities of PLA samples decreased gradually with
increasing temperature from 185 to 225∘ C. The difference in
melt viscosity between 185∘ C and 225∘ C was approximately
3 times, compared with the neat PLA sample, and the
differences were narrower with increasing PEG content up
to 20 wt%. To investigate the efficiency of the PEG on PLA,
DSC was carried out using the PLA blends with different PEG
content up to 20 wt%. Figure 3 shows the DSC thermograms
obtained from a second heating for PLA/PEG blends. A
gradual depression of the glass transition temperature (𝑇𝑔 )
from 50 to 25∘ C was observed with increasing PEG content.
Effective plasticization induces the depression of the glass
transition temperature in the polymer/plasticizer system.
Therefore, PEG was expected to be compatible with PLA. The
cold crystallization temperature (𝑇𝑐 ) of PLA was lower than
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determined from the glass transition region of neat PLA was
varied from 25 to 65∘ C in order to investigate its effect on
the fiber diameter of melt electrospun PLA fibers. Figure 5
shows the change in the average diameter of PLA fibers
with different PEG contents as a function of atmospheric
temperature. The average diameter of PLA fibers and its
standard deviation were decreased with increasing PEG
content. Particularly, the addition of 5 wt% PEG to PLA
induced a dramatic decrease in the average fiber diameter of
PLA fibers. However, the effect of atmospheric temperature
ranging from 25 to 65∘ C on the average diameter of PLA fibers
was not significant.
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Figure 2: Melt viscosity of PLA containing plasticizer (PEG) as a
function of temperature.
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3.4. Effect of Mass Flow Rate on the Diameter of Melt
Electrospun PLA Fibers. In a previous study [23], the effects
of processing parameters on the average diameter and morphology of melt electrospun PLGA fibers were examined.
Among the processing parameters, the mass flow rate had the
most influence on the fiber diameter of PLGA. Figure 6(a)
shows representative SEM images of the melt electrospun
PLA fibers containing 10 wt% PEG at different mass flow rates
of 5.40, 2.54, 1.12, and 0.65 mL/h. The average diameter (and
standard deviation) of the PLA fibers decreased significantly
by about half with decreasing mass flow rate from 5.4 to
0.65 mL/h. Figure 6(b) shows the change in the fiber diameter
of PLA with different mass flow rates under fixed spinning
conditions. Interestingly, the average fiber diameter and its
deviation decreased significantly with decreasing mass flow
rate from 5.40 to 0.65 mL/h. This significant decrease in the
fiber diameter at the lower mass flow rate may have been due
to the formation of a smaller Taylor cone due to the decreased
volume supplied from the polymer melt. In contrast, the fiber
diameter was not influenced significantly by the flow rate in
solution electrospinning.

200

Figure 3: DSC thermograms obtained from a second heating for
PLA/PEG blends.

that of neat PLA, while the melting temperatures (𝑇𝑚 ) were
nearly unchanged.
3.2. Effect of Plasticizer on the Diameter of Melt Electrospun
PLA Fibers. Figure 4 shows representative SEM images of
the melt electrospun PLA fibers with different PEG contents
at syringe temperatures of 215∘ C. The average diameter and
deviation of electrospun PLA fibers decreased significantly
from 24.7 ± 3.8 to 8.97 ± 1.63 by adding 5% of PEG (Figures
4(a)-4(b)), but a slight decrease was observed when further
increasing PEG contents from 5% to 20% (Figures 4(b)–4(d)).
This seems to be associated with the change in viscosity of
PLA melt containing PEG plasticizer, as shown in Figure 2.
Therefore, it was found that the plasticizer content is a critical
parameter affecting the fiber diameter and morphology.
3.3. Effect of Atmospheric Temperature on the Diameter of
Melt Electrospun PLA Fibers. The atmospheric temperature

3.5. PLA Composite Fibers from Hybrid Electrospinning. To
fabricate a randomly mixed and interconnected network
structure between the nanofibers and microfibers, a novel
hybrid electrospinning process was designed, combining
melt electrospinning with solution electrospinning [24]. This
hybrid electrospinning could provide a randomly mixed
nano-/microfibrous composite scaffold with higher pore
diameters by simultaneous electrospinning. Figure 7 shows
SEM images of the PLA/PLA (20/80) and SF/PLA (20/80)
nano-/microfiber composite scaffolds fabricated using PLA
and SF solution and PLA melt under fixed electrospinning conditions. The PLA/PLA (20/80) and SF/PLA (20/80)
nanofiber/microfiber composite scaffolds were fabricated
using 14 wt% PLA and 7 wt% SF solution in the solution
electrospinning compartment, respectively. In order to vary
the composition of the nanofiber/microfiber composite scaffolds, the change in mass flow rate of the PLA melt was
feasible and desirable because it is difficult to obtain a desired
composition of nano-/microfiber scaffolds by changing the
flow rate of the polymer solution. As shown in Figure 7, the
PLA microfibers in nano-/microfiber composite scaffolds had
a larger average diameter of 8.86 ± 0.25 𝜇m, whereas PLA and
SF nanofibers had smaller average diameters of 1260 ± 230 nm
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Figure 4: SEM images of the melt electrospun PLA fibers with different PEG contents: (a) PLA/PEG (100/0), (b) PLA/PEG (95/5), (c)
PLA/PEG (90/10), and (d) PLA/PEG (80/20).
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Figure 5: Change in the average diameter of PLA fibers with
different PEG contents as a function of atmosphere temperature.

and 820 ± 240 nm, respectively. The difference in average
fiber diameters between the nanofibers and microfibers was
approximately one order of magnitude.

The pore parameter (pore size, porosity) of the scaffolds
is a crucial factor affecting the cell attachment, spreading,
and migration. Table 2 summarizes the pore parameters
of the PLA microfibers and PLA nano-/microfiber (20/80)
composite scaffolds determined by mercury porosimetry. The
porosities of the PLA/PLA and SF/PLA nano-/microfiber
(20/80) composite scaffolds were 91.6% and 95.0%, respectively, indicating high porosity. The total pore volumes of
PLA/PLA and SF/PLA samples were 9.9 mL/g and 6.4 mL/g,
respectively. In contrast, the porosity and pore volume of
the PLA microfiber scaffolds were 94.2% and 13.3 mL/g,
respectively. The average pore diameters (APD) in terms of
the volumes (𝑉) of the PLA/PLA nano-/microfiber (20/80)
composite scaffold and PLA microfibrous scaffold were
34.5 𝜇m and 44.7 𝜇m, respectively. This decrease in pore
diameter of the PLA/PLA composite scaffold might be due to
the introduction of a small amount of nanofibers (20 wt%).
However, a pore size of approximately 40 𝜇m is large enough
to allow cells to freely migrate in many cases [25].
The mechanical properties of the PLA microfibers
and PLA-based nano-/microfiber composite scaffold were
assessed using a tensile test. The maximum load value of
the PLA scaffolds was evaluated. Table 2 shows the tensile
strength and breaking elongation of the PLA microfibers
and PLA composite scaffolds. The PLA/PLA (20/80)
nano-/microfiber composite scaffold had higher tensile
strength (26.8 gf/mm2 ) and modulus (2.7 gf/mm2 ) than
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Table 2: Pore parameters and mechanical properties of the PLA microfibers and nano-/microfiber (20/80) composite scaffolds.
Sample

Pore properties
TIV (mL/g)
APD (𝜇m)

PLA microfiber
PLA/PLA (20/80)
Nano-/microfibers
SF/PLA (20/80)
Nano-/microfibers

Mechanical properties
Tensile strength (gf/mm )
Elongation break (%)
2

P (%)

Modulus (gf/mm2 )

13.3

44.7

94.2

1.5 ± 0.2

46.1 ± 6.5

0.3 ± 0.04

9.9

34.5

91.6

26.8 ± 13.6

20.6 ± 2.9

2.7 ± 0.4

6.4

39.2

95.0

20.6 ± 3.6

11.0 ± 1.5

2.1 ± 0.4

TIV: total intrusion volume.
APD: average pore diameter.
P: porosity.

5.40 mL/h

2.54 mL/h

1.12 mL/h

0.65 mL/h

Average fiber diameter (𝜇m)

(a)

15

10

5

0
5

4

3
Flow rate (mL/h)

2

1

(b)

Figure 6: (a) SEM images and (b) change in the fiber diameter of the melt electrospun PLA fibers containing 10 wt% PEG at different mass
flow rates.
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Figure 7: SEM images of (a) PLA/PLA (20/80) and (b) SF/PLA (20/80) nano-/microfiber composite scaffolds.
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Figure 8: Moisture content (MC) and water contact angle (WCA) of PLA microfibers and PLA-based nano-/microfibers (20/80) composite
scaffolds.

those (1.5 gf/mm2 and 0.3 gf/mm2 ) of the PLA microfiber
scaffolds. This may be explained by the nanofibrous structure
entangled with microfibers. The nanofibers in the nano/microfiber scaffolds can provide higher contacts or physical
junctions with the microfibers or nanofibers and thus act as
physical crosslinks.

3.6. Effect of Plasma Treatment on the Hydrophilicity of
the Hybrid Electrospun PLA Fibers. Biodegradable aliphatic
polyesters such as PLA and poly(𝜀-caprolactone) (PCL) are
studied widely in scaffolds for tissue engineering. However,
it is desirable to improve their surface properties because
they have poor hydrophilicity and no functional sites for cell
recognition. Plasma treatment provides an environmentally
friendly process to improve the surface hydrophilicity of
polymers without a serious loss of their bulk properties [26,
27].

Figure 8 represents the moisture content (MC) and water
contact angle (WCA) of PLA microfibers and PLA-based
nano-/microfiber (20/80) composite scaffolds. Both PLA
microfibers and PLA/PLA (20/80) composite fibers showed
a low MC (30% for PLA, 55% for PLA/PLA) and a high
WCA (129∘ for PLA, 135∘ for PLA/PLA), whereas SF/PLA
(20/80) composite fibers showed a high MC (390%) together
with a WCA of 114∘ because of the relatively hydrophilic
SF. The higher MC in the PLA/PLA sample compared
to the PLA microfibers may be associated with a higher
surface area due to the combined nanofibrous structure. The
WCA is strongly dependent on the surface roughness and
surface hydrophilicity, and thus the higher WCA of PLA/PLA
composite fibers may be affected by the surface roughness.
The hybrid electrospun PLA/PLA (20/80) composite
fibers were treated with plasma in the presence of either
oxygen or ammonia gas to modify the surface properties of
the fibers and to further compare the effects of two gases
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Figure 9: Change in chemical compositions of PLA fiber surfaces with plasma treatment time.
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Figure 10: Change in (a) water contact angle (WCA) and (b) moisture content (MC) of PLA/PLA composite fibers with plasma treatment
time.
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(oxygen and ammonia) on the hydrophilicity of fibers. The
morphological changes in the plasma-treated PLA fibers were
observed by SEM. No significant changes in the morphology
of PLA nano- and microfibers were observed. The change
in chemical compositions of PLA fiber surfaces before and
after plasma treatment was investigated by XPS (Figure 9).
The O/C ratio was increased gradually after oxygen plasma
treatment for up to 300 sec. This can be attributed to the
formation of hydroxyl or peroxyl groups on the surface of
PLA fibers after oxygen plasma treatment. On the other hand,
a new N1s peak was observed after treatment with ammonia
plasma, indicating newly formed N-containing functional
groups such as amines (not shown). Interestingly, the surface
of the PLA fibers contained an abundance of nitrogen atoms
after ammonia plasma treatment, with an N/C ratio of up to
0.03 (Figure 9).
The MC and WCA of plasma-treated PLA/PLA (20/80)
composite fibers were also measured to determine changes
in the surface hydrophilicity during plasma treatment.
Figure 10(a) shows the change in the WCA of PLA/PLA
composite fibers with plasma treatment time. The WCA on
the nontreated PLA/PLA composite fibers was 135∘ , indicating that the surface of the nontreated PLA fibers was quite
hydrophobic. This value decreased abruptly after oxygen
plasma treatment for 240 sec and reached 0∘ after 300 sec.
In the case of ammonia plasma treatment, the WCA value
decreased more quickly than the oxygen plasma and reached
0∘ after 30 sec. The MC of the nontreated PLA fibers was
also increased significantly from 55% to 655% and 410% after
treatment with oxygen plasma (treatment time = 240 sec) and
ammonia plasma (treatment time = 20 sec), respectively. The
reduction in WCA and the increase in MC clearly support
the increased surface hydrophilicity of the PLA fibers, which
might be caused by the introduction of new polar groups
on the surface of the PLA fibers. Furthermore, the ammonia
gas plasma enhanced the surface hydrophilicity of PLA fibers
more effectively than oxygen gas plasma.

4. Conclusion
The effects of plasticizer on the average diameter and morphology of melt electrospun PLA fibers have been examined. The average fiber diameter of the PLA microfibers
decreased with increasing PEG plasticizer content due to
the lower melt viscosity. Novel composite scaffolds were
fabricated to combine the beneficial properties of nanofibers
and microfibers. PLA/PLA and SF/PLA nano-/microfiber
composite scaffolds were obtained by hybrid electrospinning,
in which both the PLA and SF solution and PLA melt
produced randomly mixed nanofibers and microfibers. The
mechanical properties of the PLA microfibers were improved
remarkably by introducing a small amount of nanofibers
(20 wt%), even though they had similar pore parameters. The
surface hydrophilicity and the content of polar groups on the
surface of PLA fibers were increased significantly after plasma
treatment in the presence of either oxygen or ammonia gas.
This approach to controlling the hydrophilicity and diameters
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of PLA composite fibers can be useful in the design and
tailoring of novel scaffolds for tissue engineering.
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