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Calcium hydroxyapatite, CaHAp, synthesized by the precipitation method, was utilized to study the calcium-lead metathesis
reaction on dissolution in a lead nitrate solution under reflux conditions to prepare larger lead hydroxyapatite, PbHAp, crystals
from CaHAp. SEM images show development of crystalline PbHAp on the surfaces of CaHAp.The needle-like crystal morphology
observed for PbHAp after 24 h reaction time developed into hexagonal-rod crystal morphology within 48 h reaction time. The
largest PbHAp crystals obtained from 48 h reaction time have approximate size of 10× 10× 40𝜇m. Powder X-ray diffraction results
showmixed phases of CaHAp and PbHApdue to difficulty in separating the PbHApproduct from theCaHAp substrate.ThePbHAp
peaks observed after 24 h of reaction sharpen and increase in intensity after 48 h of reaction confirming that the PbHAp phase is
the major product for the 48 h reaction time. EDX results of the crystalline products show high intensity Pb peaks with lead to
phosphorous ratio (5 : 3) as expected for PbHAp. Lower intensity Ca peaks are also observed, consistent with incomplete coverage
of the CaHAp growth substrate.

1. Introduction

Calcium hydroxyapatite, Ca
5
(PO
4
)
3
(OH), CaHAp, the pro-

totype structure of the apatite series, is the dominant compo-
nent in biological hard tissues such as bones (about 69wt%
CaHAp) and teeth (about 95wt% CaHAp) [1]. The structure
belongs to space group P6

3
/m and is susceptible to ionic sub-

stitution in both anion and cation sites. Ca2+ can be replaced
by various divalent cations including Fe2+, Cr2+, Zn2+, Mg2+,
Cd2+, Sr2+, or Pb2+ [2–6], PO

4

3− can be replaced by AsO
4

3−

or VO
4

3−, and OH− can be replaced by F− or Cl− [7–10].
Complete substitution of Pb2+ ions into CaHAp struc-

ture results in the isostructural lead hydroxyapatite, some-
times called hydroxypyromorphite, Pb

5
(PO
4
)
3
(OH), PbHAp,

which has been studied, including its structure [11, 12] and
solubility properties [13], partly because the accumulation of
Pb2+ in bones accompanies bone diseases. Chronic exposure
to lead has been shown to inhibit skeletal development [14]

and/or can lead to osteoporosis [15] as the lead localizes in
the area of bone formation and resorption, respectively. It is
possible that this is a consequence of the lower solubility of
PbHAp (p𝐾SP = 62.79) [16] compared to CaHAp (p𝐾SP =
53.28) [17]. Thus, the relationship between CaHAp and
PbHAp in terms of their structure and properties as well
as their potential interconversions might provide important
keys in the understanding of the accumulation of Pb2+ in
bone.

Studies on the mechanism and phase evolution of Pb2+
immobilization by synthetic CaHAp have been reported [18,
19] and show dissolution of CaHAp in Pb2+ solution and
then concomitant crystallization of PbHAp in the system.
Themechanism of PbHAp formation in acidic conditions has
been proposed [20, 21] as follows.

Dissolution of CaHAp:

Ca
5
(PO
4
)
3
(OH) + 7H+ 󳨀→ 5Ca2+ + 3H

2
PO
4

−
+H
2
O (1)

Hindawi Publishing Corporation
Advances in Materials Science and Engineering
Volume 2014, Article ID 273632, 6 pages
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Precipitation of PbHAp:

5Pb2+ + 3H
2
PO
4

−
+H
2
O 󳨀→ Pb

5
(PO
4
)
3
(OH) + 7H+ (2)

Earlier studies of Pb2+ immobilization by hydroxyapatite in
the absence of potential substitution ions [22], in the presence
of potential substitution anions [23], and in the presence
of potential substitution cations [24] show the same disso-
lution/precipitation mechanism. While the Ca2+ and Pb2+
compounds are isostructural, they are in separate series due
to the difficulty of substituting Pb for Ca in the apatite series
or of substituting Ca for Pb in the pyromorphite series [25].

This work reports preparation of CaHAp and its X-ray
absorption spectroscopy (XAS) spectrum to characterize the
short-range environment around Ca absorbing atoms of the
precipitate product. A refluxmethod was used to increase the
CaHAp dissolution rate and thus the PbHAp crystallization
rate in the metathesis reaction of CaHAp in lead nitrate
solution.The relationship between reaction times and crystal
morphologies of products is discussed.

2. Materials and Methods

2.1. Preparation of CaHAp Material. Phosphate and calcium
solutions for preparation of CaHAp were prepared by dis-
solving 7.92 g (60mmol) diammonium hydrogen phosphate,
(NH
4
)
2
HPO
4
(Ajax Finechem, AR grade), in 100mL deion-

ized water and dissolving 23.60 g (100mmol) calcium nitrate,
Ca(NO

3
)
2
⋅4H
2
O (Ajax Finechem, AR grade), in 100mL

deionized water. CaHAp was prepared by dropwise addition
of phosphate solution into calcium solution, while stirring
at room temperature and maintaining the solution pH at 11
with 1.0M NaOH. After addition of the phosphate solution,
the suspension was stirred continuously for 30min and the
precipitate was separated by filtration, washed with deionized
water three times, and dried at 100∘C for 24 h.

2.2. Preparation of PbHAp by Reflux Method. Excess CaHAp,
0.20 g (3.98mmol), was ground in an agatemortar and added
into a solution prepared by dissolving 0.0733 g (0.22mmol)
lead nitrate, Pb(NO

3
)
2
(Ajax Finechem, AR grade), in 80mL

deionizedwater and refluxed for 24 h and 48 h.Thewhite pre-
cipitates were separated by filtration, washed with deionized
water three times, and dried at 100∘C for 24 h.

2.3. Characterization. Crystal morphologies were observed
by scanning electron microscopy (SEM) using a JSM 6400
electron microscope (JEOL, Japan) equipped with a Mic-
rospecmodelWDX-100 energy dispersive X-ray fluorescence
(EDX) detector. IR spectra were acquired on a Perkin-Elmer
model Spectrum GX Fourier transform infrared spectropho-
tometer in wavenumber range 400–4000 cm−1 from KBr
pellets.

Powder X-ray diffraction (XRD) scans were acquired for
the 2𝜃 range 10–55∘ on a Bruker Analytical X-ray Systems
D5005 diffractometer equipped with a Cu K𝛼 sealed tube X-
radiation source operating at 40 kV and 40mA. Comparison

with ICDD JCPDS files [26] was utilized for phase identifica-
tion of products.

X-ray absorption spectroscopy (XAS) experiments were
conducted at the BL-8 beamline at the Siam Photon Labora-
tory of theNational SynchrotronResearchCenter ofThailand
(Nakhon Ratchasima, Thailand) with the electron storage
ring operated at 1.2 GeV with an average beam current of
∼100mA. A monochromatic beam was obtained by means
of a Si(111) double crystal monochromator. Experiments were
performed at the Ca K-edge in transmission mode. The
gas ionization chamber was filled with N

2
(∼400mbar),

and XAS spectra of CaCl
2
⋅2H
2
O were used for a standard

energy calibration (4042 eV). Extended X-ray absorption fine
structure, EXAFS, spectra were collected in an energy range
between 3970 and 4750 eV, with energy steps of 1 eV. Samples
and reference compounds were ground in an agate mortar in
air until uniform and were sealed between layers of Kapton
tape on the sample holder and then brought to the beam.
EXAFS fitting was carried out using the IFEFFIT library
[27] within the ATHENA XAS data processing suite [28],
and interatomic distance estimates were obtained from the
ATHENA suite [29].

3. Results and Discussion

CaHAp structure has been reported [30, 31]. It consists of
metal atoms located on two crystallographically different
sites: 𝑓 sites (identified as Ca(I)) and ℎ sites (identified as
Ca(II)) as shown in Figure 1. Twometal ions at the Ca(I) sites
are coordinatedwith nineO atoms (six shorter bonds to three
O(1) and three O(2) phosphate oxygen atoms on Ca(I) sites
define a twisted trigonal prism, and three longer bonds to
O(3) atoms extend through the prism faces), and three metal
ions at the Ca(II) sites are coordinated with seven O atoms
(oneO(1), oneO(2), and four general O(3) atoms fromPO

4

3−

groups and one O(4) atom from an OH− group).
EXAFS fitting for CaHAp used the crystallographic

parameters for ideally crystalline CaHAp taken from Posner
et al. [30]. EXAFS data were Fourier-transformed in the 𝑘
range 2–10.5 Å−1 using 𝑘3-weighting of data and fit in real
space in the range of 1–6 Å of the Ca local environment.
Figure 2 shows EXAFS of (a) the 𝑘3-weighted raw and fitted
𝜒 (chi) functions of the samples and (b) Fourier transforma-
tions of 𝑘3-weighted EXAFS spectra. This is the best fit for
these available EXAFS spectra. The distances displayed on
the 𝑥-axis are not corrected for phase shifts and appear offset
by about 0.3 Å. The coordination number that is detected by
EXAFS spectroscopy is composed of the weighted sum of
Ca(I) and Ca(II) sites. Higher shells of light backscattering
atoms were omitted due to small intensity, and shells in very
close neighborhood were combined in order to keep the
number of fit parameters manageable and mathematically
significant. Multiple scattering pathways were of negligible
magnitude. These results show an average bond distance of
all atoms surrounding Ca atoms, Ca–O#1 = 2.41 Å (for Ca–
6O), Ca–P#2 = 3.22 Å (Ca–2.4P), Ca–P#3 = 3.59 Å (Ca–2.4P),
Ca(I)–Ca(II)#4 = 3.95 Å (Ca–6Ca), Ca(I)–Ca(II)#5 = 4.03 Å
(Ca–2.4Ca), and Ca(I)–Ca(I)#6 = 5.45 Å (Ca–3.6Ca).



Advances in Materials Science and Engineering 3

P1#2

P1#2

P1#3

O3#1

Ca1#6

Ca2#4

Ca2#4

Ca2#4Ca2#5

Ca2#5

Ca2#5
Ca1#6 Ca1#6

P1#3

P1#2

P1#3

O3#1 O1#1

O2#1

O3#1

O1#1
O2#1

O3#1

O1#1
O2#1

Ca1

(a)

0

02
02

02

P1

P1

P1

P1

02

02

02

03

03

04

03

01

01

01

01

01

03

03 Ca1
Ca2

Ca2

Ca1

Ca2Ca2

Ca2

(b)

Figure 1: Projection drawings down [001] of (a) Ca(I) site and (b) the Ca(II) site in CaHAp.
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Figure 2: Ca K-edge EXAFS data of CaHAp experiment (solid lines) and fit to data (dashed lines). (a) The 𝑘3-weighted 𝜒(𝑘) and (b) Fourier
transformations of the 𝑘3-weighted EXAFS spectra. Radial distribution functions were not corrected for phase shift (shorter distances by
0.3-0.4 Å with respect to crystallographic values). Note: the dotted lines are best fits.

The SEM images of CaHAp before and after refluxing in
lead nitrate solution are shown in Figure 3. Crystalline prod-
uct after refluxing for 24 h exhibits needle-like crystal mor-
phology on the surface of the CaHAp substrate (Figure 3(b))
while the crystalline product after refluxing for 48 h exhibits
hexagonal-rod crystal morphology (Figure 3(c)). The prod-
uct crystal size increased with increasing reaction time; the
largest crystal size observed is about 10 × 10 × 40 𝜇m. The
finely divided PbHAp phase could not be easily separated
from the CaHAp substrate.

EDX spectra of products and the substrate after refluxing
in lead nitrate solution are shown in Figure 4. The EDX
spectrum of the post reaction CaHAp substrate (Figure 4(a))
shows high intensity Ca peaks with calcium to phosphorous
ratio of about 5 : 3 as expected for CaHAp (but no evidence
of Pb peaks), while the spectrum of crystalline product
region (Figure 4(b)) shows high intensity Pb peaks with lead

to phosphorous ratio of 5 : 3 as expected for PbHAp. Low
intensity Ca peaks are also observed in the product spectra,
consistent with incomplete coverage of the CaHAp growth
substrate. Similar spectra (not shown) were observed for the
CaHAp substrate and PbHAp product areas after refluxing
for 48 h. These spectra support the dissolution/precipitation
mechanism previously proposed [20, 21] and do not give any
suggestion of substitution of Ca2+ by Pb2+ in the CaHAp
substrate to form a solid solution under the mild conditions
of refluxing in H

2
O.

XRD patterns of products after refluxing for 24 h and
48 h also show mixed PbHAp (JCPDS number 08-0259)
and CaHAp (JCPDS number 09-0432) phases as shown in
Figure 5.

The XRD pattern of the product after 48 h reflux clearly
shows the PbHAp phase as the major product phase with the
intensity of PbHAp peaks considerably increased, indicating
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(a) (b) (c)

Figure 3: SEM images of (a) CaHAp before refluxing, (b) after refluxing in lead nitrate solution (917mg/L) for 24 h, and (c) after refluxing
for 48 h.
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Figure 4: EDX spectra of products after refluxing in lead nitrate solution (917mg/L) for 24 h. (a) CaHAp substrate and (b) PbHAp needle-like
crystal product region. The inset shows the locations sampled for the spectra.
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Figure 5: XRD patterns of products after refluxing in lead nitrate
solution (917mg/L) for 24 h and 48 h.

that formation of PbHAp phase increased with increased
reaction time which is in agreement with previous work [18].
PbHAp crystal product is present as hexagonal rod-shaped

crystals as shown in Figure 3(c). The presence of both phases
results from difficulty separating the finely divided PbHAp
phase from the approximately 20-fold excess CaHAp reactant
substrate phase.

IR spectra of CaHAp and products after refluxing in the
presence of Pb+2 (Figure 6) show bands in the appropriate
regions: 𝜐

1(P–O) and 𝜐3(P–O) PO4
3− stretching modes in the

961–1095 cm−1 region, 𝜐
2(O–P–O) bending mode in the 467–

473 cm−1 region, and the 𝜐
4(O–P–O) bending mode in the 562–

632 cm−1 region, consistent with previous reports for CaHAp
[32, 33] and PbHAp [34].

TheCaHAp reactant material was not calcined and shows
broadwaterO–H stretching vibrational bands centered about
3468 cm−1 in the CaHAp spectrumwith the ]OH apatite band
as a shoulder at 3568 cm−1, similar to reported values of 3573
[32] and 3569 cm−1 [33]. A small sharp O–H stretchingmode
appears at 3571 cm−1 in the product spectra, which compares
favorably with the apatite bands and the reported [34] ]OH
vibrational stretching band for pure PbHAp at 3560 cm−1.
A broad band in the 3000–3700 cm−1 region and a weak
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Figure 6: IR spectra of CaHAp before refluxing and after refluxing
in lead nitrate solution (917mg/L) for 24 h and 48 h.

peak at 1639 cm−1 in the CaHAp spectrum are consistent
with absorbed H

2
O on the KBr pellet or associated with the

reactant substrate phase. As all the IR spectroscopy samples
were prepared in the same manner, loss of these broad peaks
on refluxing indicates that they are due to water associated
with the reactant substrate phase.

The IR spectrum of CaHAp also shows bands of CO
3

2−

stretching at 1384 cm−1 and CO
3

2− bending at 873 cm−1
in agreement with previous work [35]. The carbonate may
come from the incorporation of atmospheric CO

2
through

equilibrium with the alkaline reaction solution during the
synthesis step. The incorporation of CO

3

2− into CaHAp
materials has been suggested to increase the solubility of
CaHAp [36].

4. Conclusion

The reflux method of CaHAp dissolution to provide phos-
phate anion in the presence of lead cation succeeds for
producing larger sized crystals of the less soluble PbHAp
from the aqueous solution. Hexagonal rod-shaped crystals
of PbHAp formed and product crystal size increased with
increasing reflux-reaction time. EDX results are consistent
with the XRD results and show mixed phases of PbHAp and
substrate CaHAp, but no evidence of Pb substitution into the
CaHAp substrate phase. IR results indicate the incorporation
of carbonate in the CaHAp substrate resulting in increased
solubility of this material, but the carbonate anion does not
appear to carry over into the PbHAp product crystals.
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The study presents evaluation of the influence of strain in drawing process and of surface modification on resistance to
electrochemical corrosion of wires made of stainless steel for production of guide wires used in invasive cardiology. The results
of static tensile test enabled us to determine the course of flow curve of wires made of X10CrNi 18-8 steel as well as mathematical
form of flow stress function. Resistance to electrochemical corrosion was evaluated on the ground of registered anodic polarisation
curves by means of potentiodynamic method. The tests were performed in solution simulating human blood on samples that were
electrolytically polished and samples that were polished and then chemically passivated. Exemplary anodic polarisation curves were
given. It was proved that with the applied strain, corrosion properties decrease. It was found that chemical passivation improves
wire corrosion characteristics. Statistical analysis showed that there is a significant dependence between corrosion properties
(polarisation resistance 𝑅𝑝) and strain 𝜀 applied in drawing process. Functions that present the change 𝑅𝑝 = 𝑓(𝜀) were selected.
The issue is of importance to guide wire manufacturers because application of the suggested methodology will enable us to forecast
corrosion characteristics of wire with the required strength drawn with the applied strain.

1. Introduction

Guide wires are indispensable instruments used in low-
invasive treatment. Guide wires were initially manufactured
for vascular applications, but over time they became indis-
pensable also in other branches of medicine. They can be
used in treatment where percutaneous access inside blood
vessels is required—in angioplasty, in electrocardiology,
when inserting electrodes to the heart, and in endoscopic
gastrostomy or endourology [1–3]. In the latter one they are
used for two purposes: (1) they ensure access to specific parts
of urinary system and (2) they are used as guide wires over
which catheters and stents can be inserted.

Such awide application spectrumdetermined production
of many different types of guide wires. They differ from
one another in construction, dimensions, material they are
made of, and mechanical characteristics, including stiffness
or resistance to cracking [1]. Manufacturers make guide
wires in their own catalogue series of types. Most of them

feature elastic flexible tip and stiff or semistiff body. Elastic
tip enables us to avoid tissue damage and perforation. Most
frequently, guide wires have the form of long, thin straight
wires orwires with “J”-shaped tip. Also guidewires withmore
complicated construction have found their application. For
example, in endourological percutaneous nephrolithotripsy
or ureterorenoscopy, guide wires consist of both round wires
and springs in which there are thin round wires and flat wires
[4–8].

In invasive cardiology, thanks to application of intravas-
cular guide wires, it is possible to insert the required instru-
ments into blood vessels or, for example, implants, stents
used in angioplasty. During treatment there is no need to
cut blood vessels. In electrotherapy, guide wires are used in
two ways. The first one includes accessing the vein, thanks to
which an electrode can be inserted. The second one includes
stiffening of the electrode, which facilitates its insertion in the
respective place inside the heart.
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Guide wires must meet a number of requirements. Most
of all, their application must be safe for the patient. They
should feature high resistance to electrochemical corrosion
in the environment of tissues and saline solutions. When
coming into contact with blood, they cannot cause any reac-
tion. Guide wires should also feature the requiredmechanical
properties suitable for the respective application. Functional
properties are dependent on, among other things, chemical
composition of the material, its metallurgical purity, and
technological parameters of wire production process. The
question of determination of physical and chemical charac-
teristics of guide wire surface is also vital. They should be
adapted to the characteristics of human tissue environment.

In case of plastic working, the selection of optimum
parameters of wire drawing process is influenced by proper
characteristics of technological plasticity of the material. It
conditions obtaining the structure susceptible to drawing
process and obtaining a product that features the required
functional characteristics. Plastic strain is accompanied by
the phenomenon of work hardening that is connected with
the increase of flow stress 𝜎𝑝. Hardening causes increase
of strength properties of wire and decrease of its plastic
properties. Correct determination of parameters of plastic
working and obtaining suitable final properties of products
are connected with analysis of the course of function 𝜎𝑝 =
𝑓(𝜀), where 𝜀 means strain expressed as a logarithm. Curves
of flow stress change as the function of strain (so-called
flow curves) enables us to forecast behaviour of the material
during plastic working [9]. Strain applied in drawing process
also has a significant influence on corrosion properties ofwire
used for production of guide wires [10, 11].

Proper solution to technological problems regarding pro-
duction of guide wires conditions the success of performed
treatment in invasive cardiology. Engineers make use of
work-hardening curves in order to select such parameters of
drawing so as to obtain wires with mechanical characteristics
required for the respective application. This study is a pro-
posal of a similar behaviour in order to forecast corrosion
characteristics ofwire depending on strain applied in drawing
process. Methodology presented in this study will enable us
to define corrosion properties featured by the wire with the
required strength drawn with the selected strain.

Guide wires in commercial use are manufactured among
other things from stainless steel of X10CrNi 18-8 grade. The
study presents the course of flow curve of wires made of that
steel and mathematical form of flow stress function. Resis-
tance to corrosion was evaluated on the ground of registered
anodic polarisation curves by means of potentiodynamic
method. Tests were made in the solution simulating human
blood on samples that were electrolytically polished and
polished and then chemically passivated. Exemplary anodic
polarisation curves were presented, as well as curves showing
the relation between polarisation resistance as the function
of strain applied in wire drawing process. Performed tests
enabled us to determine both the effect of strain during cold
working and theway of surface preparation onwire corrosion
characteristics.

2. Materials and Methods

Initial material for tests consisted of annealed wire rod made
of X10CrNi 18-8 steel with diameter of 5.65mm.Wire rodwas
drawn to a diameter of 1.5mm. Total logarithmic strain in
drawing process was 𝜀 = 2.65. Wire work hardening took
place during cold working. In the course of strain process
samples for mechanical and corrosion tests were cut off.

Flow stress 𝜎𝑝 of drawn materials is determined on the
ground of stress-strain curve in tension in the arrangement
𝜎𝑟-𝜀, where 𝜎𝑟 is real stress and 𝜀 is strain expressed as a
logarithm. In order to determine actual stress, it is necessary
to calculate real cross-section of sample 𝑆 loaded with
force 𝐹. Calculation of real cross-section of sample requires
determination of real diameter of sample 𝑑, which is subject
to change due to present elastic and plastic elongation. For
the load corresponding to proof stress, the value of real
stress 𝜎𝑟0.2 was calculated in accordance with the formula (1)
[9]

𝜎𝑟0.2 =

𝑅𝑝0.2

[√1/1.002 − ] ⋅ 𝑅𝑝0.2/𝐸]
2
, (1)

where𝑅𝑝0.2 is proof stress, ] is Poisson’s ratio, and𝐸 is Young’s
modulus.

Strength properties, including proof stress, were deter-
mined in static uniaxial tension test on testing machine
Instron of 1116 type. Next, the course of flow curve of the
function 𝜎𝑝 = 𝑓(𝜀) was determined.

Wires were then subject to surface modification. Wires
electropolished as well as polished and then chemically pas-
sivated in 40% nitric acid surface were selected for tests. Pas-
sivation proceeded at the temperature of 65∘C for 20–60min.
Prior to polishing and passivation, wires were grounded with
abrasive paper with granulation from 80–1200. It enabled us
to remove subgrease layers and grease that was left on the
surface after drawing process. Figure 1 shows pictures of wire
rod and wire with diameter of 1.5mm after drawing. On the
surface, there is a visible subgrease layer (wire rod) and a
layer of grease (wires). If greases had been left there, it would
preclude correct execution of electrochemical polishing and
passivation. It would also cause deterioration of corrosion
characteristics of wires. Pictures of wire surface after plastic
working were taken with electron scanning microscope with
field emission FE SEM S-4200 Hitachi.

Resistance to electrochemical corrosion was evaluated on
the ground of registered anodic polarisation curves by means
of potentiodynamic method [12, 13]. Potentiodynamic tests
of wires were performed in artificial blood plasma solution.
Stern method was used in order to determine polarisation
resistance. Potentiodynamic tests were performed at the
temperature of 𝑇 = 37 ± 1∘C and pH = 7.0 ± 0.2. Saturated
calomel electrode (SCE) of KP-113 type served as reference
electrode, whereas platinum electrode PtP-201 was used as
auxiliary electrode. Table 1 presents composition of artificial
blood plasma.
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Figure 1: Surface of wire rod (a) and wire with diameter of 1.5mm (b).

Table 1: Chemical composition of artificial blood plasma solution.

Chemical compound Amount of distilled water, g/L
NaCl 6.8
CaCl2 0.2
KCl 0.4
MgSO4 0.1
NaHCO3 2.2
Na2HPO4 0.126
NaH2PO4 0.026

3. Results

Table 2 presents strength properties of wires with selected
diameters determined in tensile test.

Real stress values 𝜎𝑟0.2 determined in tensile tests, corre-
sponding to proof stress, served as the ground for making
flow curve of tested wires and determination ofmathematical
form of flow stress function. The curve was approximated
with function 𝜎𝑝 = 𝜎𝑝0 + 𝐶𝜀

𝑛 that gives consideration to
the value of stress for initial state (i.e., for annealed wire for
drawing). Mathematical form of flow stress function for the
tested steel is as follows:

𝜎𝑝 = 253.1 + 894.6𝜀
0.51
. (2)

Figure 2 presents flow curve of wires made of X10CrNi
18-8 steel (𝜀 means strain in drawing process expressed as a
logarithm).

Potentiodynamic tests in artificial blood plasma enabled
us to determine how wire resistance to electrochemical cor-
rosion changes both in relation to strain applied in drawing
process and to the way of wire surface preparation. OCP
potential for all tested samples stabilised after 60 minutes.
Corrosion test results are shown in Table 3. Figures 3 and 4
present selected anodic polarisation curves.

Next, it was determined whether there is a significant
relation between corrosion properties and strain in drawing
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Figure 2: Flow curve of wire made of X10CrNi 18-8 steel.

process. Figure 5 shows curves obtained on the ground of
selected results of corrosion tests, namely, the change of
polarisation resistance 𝑅𝑝 as the function of strain applied
in drawing process 𝜀. Functions presenting the change 𝑅𝑝 =
𝑓(𝜀) were selected. They look as follows:

(i) electrochemically polished wires

𝑅𝑝 = −118.4𝜀 + 592.5, 𝑅
2
= 0.886, (3)

(ii) wires that were polished and chemically passivated

𝑅𝑝 = −444𝜀 + 2057.5, 𝑅
2
= 0.842. (4)

Static analysis proved that significance level 𝑃 < 0.05.

4. Discussion

Experimental determination of flow stress of the material
is executed in one of basic tests: tensile, compression, or
torsion. Indeed, static tensile test is accompanied by strain too
small to be taken into consideration by engineers who design
plastic forming processes; still it is the only possible one to be
adopted in case of tests of thin wires. Performed mechanical
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Table 2: Strength properties of wire.

Wire diameter 𝑑, mm Logarithmic strain in the drawing process, 𝜀 Tensile strength 𝑅𝑚, MPa Proof stress 𝑅𝑝0.2, MPa
5.65 — 604 252
3.0 1.27 1607 1403
2.0 2.22 1827 1507
1.5 2.65 2178 1653

Table 3: Test results of pitting corrosion resistance.

Wire diameter
𝑑, mm

Strain in drawing
process 𝜀

Breakdown
potential 𝐸𝑏, mV

Polarisation
resistance 𝑅𝑝,

kΩcm2

Corrosion
current density
𝑖corr, 𝜇A/cm

2

Electrochemically polished wires
5.6 0 +612 567 0.04
3.0 1.27 +510 459 0.10
1.5 2.65 +380 229 0.11

Electrochemically polished and chemically passivated wires
5.6 0 +858 2220 0.012
3.0 1.27 +778 1230 0.021
1.5 2.65 +695 1070 0.024

properties tests enabled us to determine the course of flow
curves and to select flow stress function of drawn wires made
of X10CrNi 18-8 steel.

Performance of potentiodynamic tests enabled us to
evaluate the impact of strain in drawing process onwire resis-
tance to electrochemical corrosion artificial blood plasma
solution. It was proved that with the applied strain, corrosion
properties decrease. Perforation potential and polarisation
resistance decrease, and anodic current density increases.
That tendency applies both to electrolytically polished and
polished and then chemically passivated wires.

Annealed wire rod with diameter of 5.65mm featured the
highest corrosion resistance, irrespective of the condition of
the surface. Perforation potential of polished wire rod was
𝐸𝑏 = +612mV and, that of polished and passivated was 𝐸𝑏 =
+858mV. The lowest perforation potential was observed in
wirewith diameter of 1.5mm(𝐸𝑏 =+380mV for polishedwire
and 𝐸𝑏 = +695mV for passivated wire). As strain increased,
polarisation resistance also decreased. Polarisation resistance
for polished wires was, respectively, 𝑅𝑝 = 576 kΩcm

2 (wire
rod) and 𝑅𝑝 = 229 kΩcm2 (wire with diameter of 1.5mm).
Polarisation resistance of polished and passivated wire rod
was 𝑅𝑝 = 2220 kΩcm

2 and of polished and passivated wire
with diameter 1.5mm was 𝑅𝑝 = 1070 kΩcm

2.
Plastic strain in drawing process caused increase of cor-

rosion current density for both types of wires, polished and
polished and then passivated. Corrosion current density of
polished wire rod was 𝑖corr = 0.04 𝜇A/cm

2 and of polished
and passivated was 𝑖corr = 0.012 𝜇A/cm

2. Wire with diameter
𝑑 = 1.5mm featured the highest corrosion current density.
It was 𝑖corr = 0.11 𝜇A/cm

2 for polished wire and 𝑖corr =
0.024 𝜇A/cm2 for passivated wire.

Presented results show explicitly that chemical passiva-
tion substantially improved wire resistance to electrochemi-
cal corrosion in artificial blood plasma. Corrosion properties
of passivated wires are higher than those of wires that were
subject only to electrolytic polishing.

Static analysis showed that there is a significant depen-
dence between corrosion properties (polarisation resistance)
and strain applied in drawing process. Presented curves
and functional relations give the ground to conclusions
related to polarisation resistance of wire subject to surface
treatment. The value of polarisation resistance shows that
it was justifiable to use chemical passivation in case of
wires for production of cardiologic guide made of X10CrNi
18-8 steel.

Presented curves represent correctly the results obtained
experimentally. The greatest differences of polarisation resis-
tance can be observed for wire with initial diameter. It must
be highlighted that functions presented in the paper were
elaborated for one heat. To transform them into universal
relations for stainless steel X10CrNi 18-8, it is necessary to
repeat the tests for a bigger number of heats.

5. Summary and Conclusions

The study proves that increase of strain in drawing process
of wires made of stainless steel X10CrNi 18-8 causes decrease
of their resistance to electrochemical corrosion in artificial
blood plasma. Moreover, it was observed that chemical pas-
sivation improves wire corrosion characteristics.

Potentiodynamic test results also enabled us to obtain
functional relations showing the influence of strain in draw-
ing process on the change of polarisation resistance. It must
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Figure 3: Anodic polarisation curve recorded for wire rod (𝑑 = 5.65mm) electropolished (a) and passivated (b).
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Figure 4: Anodic polarisation curve recorded for wire 𝑑 = 1.5mm electropolished (a) and passivated (b).
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Figure 5: Dependence of polarisation resistance on strain in the drawing process: (a) of electrochemically polished wire and (b) of
electrochemically polished and passivated wire.

be mentioned that presented functional relations are not of
universal character and refer only to wires made of X10CrNi
18-8 steel tested in artificial blood plasma. If they are to be
applied either to wires or other materials (e.g., other grades
of steel, titanium alloys, cobalt alloys, alloys with elastic
memory effect, andmany other) or goods for other purposes,
it is necessary to perform similar test for wires made of
the respective material in another environment simulating
human body saline (artificial urine solution, artificial saliva,
and Tyrode or Ringer solution).

Problematic aspects presented in the study are crucial
for process engineers who deal with designing wire drawing
processes for medicine, as the issue of correct description
of material plasticity is tightly connected with the selection
of optimum parameters of wire production technological
process. That issue is equally important to guide wire man-
ufacturers, because if the respective curves or functions are
to be applied, it is possible to forecast in advance corrosion

characteristics of wire with the required strength drawn with
the applied strain.

To sum up, it must be highlighted that proper description
of flow stress function is one of the elements that determine
acquisition of proper characteristics of technological plas-
ticity of materials. These characteristics constitute currently
the ground for databases for computer simulation of plastic
working processes. Such bases could be completed with
functional relations 𝑅𝑝 = 𝑓(𝜀) determined for various metal-
lic biomaterials adjusted to human tissue environment in
various body saline solutions. Then they could be used by
process engineers and manufacturers of goods produced by
means of cold working for various medical purposes. For
example, whenmanufacturing a product (strip, bar, and wire,
etc.) with the required mechanical characteristics, database
will enable us to read both the value of necessary strain
applied in processing and polarisation resistance correspond-
ing to such strain that the respective biomaterial will feature.
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That innovative proposal regarding creation of databases
which take into account corrosive properties of metallic
materials for medicine would make an extremely useful tool
in designing technological processes of biomaterials.
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In our earlier work, a cotton-like biodegradable composite, consisting of poly(l-lactic acid) with siloxane-containing vaterite, has
been prepared by electrospinning. In the present work, the fibers skeleton of the cotton-like composites was modified successfully
with imogolite, which is hydrophilic and biocompatible, via a dip process using ethanol diluted solution to improve the cellular
initial attachment. Almost no change in the fiber morphology after the surface modification was observed. The surface-modified
composite showed the similar calcium and silicate ions releasabilities, for activating the osteoblasts, as an unmodified one. Cell
culture tests showed that the initial adhesion of murine osteoblast-like cells on the surface of the fibers was enhanced by surface
modification.

1. Introduction

Recently, the biodegradable polymers have attracted much
attention as scaffolds [1, 2]. Poly(l-lactic acid) (PLLA), one
of the common biodegradable polymers, has been reported
as a scaffold material for bone reconstruction [3]. Several
kinds of inorganic ions released from materials are reported
to influence osteogenesis and angiogenesis [4]. Xynos et al.
suggested that the ionic products, such as calcium and
silicate ion released from Bioglass 45S5, have a stimulatory
effect on osteoblast proliferation by increasing availability
of insulin-like growth factor-II (IGF-II) [5]. The preparation
of composites including inorganic materials, with calcium
and silicate species releasing ability, in the biodegradable
polymers is one of the important technologies for developing
bone-forming biomaterials.

Our group has developed a polymer-ceramic composite
material, PLLA/siloxane-containing vaterite (SiV) composite

(PLLA/SiV), for the bone-filling material applications. The
PLLA/SiV has the calcium and silicate ions releasing abilities
derived fromSiV [6]. In our earlier works, the PLLA/SiVfiber
mats of ∼300𝜇m in thickness, fabricated by electrospinning,
showed bone formation by implanting the fiber mats on
defects of 8mm in diameter in the front midline of the
calvaria in New Zealand rabbits [7, 8]. We also have prepared
the cotton-like PLLA/SiV consisting of fibrous skeletons with
open pore structure successfully bymodified-electrospinning
[9, 10]. The cells penetrated into the cotton-like PLLA/SiV
and adhered on the fiber surface, resulting in proliferation
inside of the cotton-like structure [10].

We believe that the enhancement of cell adhesion on the
fiber surface is a critical factor for improving its biocompati-
bility. It has been widely accepted that the bone-forming cells
prefer to attach on hydrophilic surface than hydrophobic one
[11–13]. Nanometer-sized hydrous aluminum silicate, which
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is called imogolite, (HO)
3
Al
2
O
3
Si(OH), has tubular structure

of ∼2.3 nm external and ∼1.0 nm internal diameters [14],
with up to several micrometers lengths. Imogolite nanotubes
(INTs) have very hydrophilic surface owing to numerous
hydroxyl groups on the surface. Ishikawa et al. reported that
human andmouse osteoblast-like cells were widely spread on
INTs coated on polystyrene cell culture dish, compared with
the culture dish [15–17]. INT is one of the potential candidates
to modify the fiber surface in the cotton-like PLLA/SiV for
enhancing their cellular attachments.

The calcium and silicate ions releasing ability of PLLA/
SiV, which has an effect on enhancing the cellular activity
[18], is very important for accelerating bone formation on
the material. Fujikura et al. suggested that the hydroxyapatite
coating layer on fibers of the fiber mats, which were pre-
pared by electrospinning, controlled calcium and silicate ions
release from the fibers [19].The influence of INTmodification
on the ions releasing ability of the cotton-like PLLA/SiV is
considered to be examined.

In our previous report, it has been reported that the cell
compatibility of PLLA/SiV fiber mats, especially at the early
stage, was improved with INTs coating by electrophoretic
deposition [20]. In our preliminary experiments, the elec-
trophoretic deposition method has almost no effect on
cotton-like PLLA/SiV. INTs would pass over the cotton-like
PLLA/SiV because of the very high porosity of cotton-like
structure.The aim of this work is to examine the effective way
of PLLA/SiV surface modification with INTs. The PLLA/SiV
has hydrophobic surface due to the matrix PLLA. INTs are
dispersed in aqueous solution as a result of synthesis. It
might lead to difficulty of coating on hydrophobic PLLA/SiV
surface. It was considered that, by improving hydrophilicity of
the fibrous PLLA/SiV surface temporarily, the modification
using dip-coating would be able to be applied effectively.
Our idea for improving the hydrophilicity is to treat the
cotton-like PLLA/SiV with diluted ethanol. In the present
work, the dip-coating method, one of the simplest ways, was
investigated for INTmodification of cotton-like PLLA/SiV to
enhance the cellular attachment.

2. Materials and Methods

2.1. Preparation of Cotton-Like PLLA/SiV. SiV particles,
which were spherical particles of ∼1 𝜇m diameter, containing
2.6 wt% silicon, were prepared by a carbonation method
using methanol and 𝛾-aminopropyltriethoxysilane (APTES;
Momentive Performance Materials, Japan). The detail of the
preparation was described in our previous reports [7, 8,
18]. PLLA/SiV was prepared by kneading PLLA (LACIA;
molecular weight = ∼140 kDa, Mitsui Chemicals, Japan)
with SiV particles at 200∘C for 10min. The weight ratio of
PLLA : SiV was 7 : 3.

The PLLA/SiV solution for electrospinning was prepared
using a chloroform as a solvent; PLLA weight ratio in the
solution was 10wt%. Following our previous report [9],
cotton-like PLLA/SiV was prepared by electrospinning in
ethanol (Wako Pure Chemicals, Japan) as a collector at
room temperature. We have reported that PLLA fiber mats

composed of the fiber skeleton ∼10𝜇m in diameter allow
cellular ingrowth into the gaps between them [21]. The fibers
diameter was controlled by electrospun conditions as follows:
impressed voltage: 15 kV, collector distance: 300mm, and
solution flow rate: 0.25mL/min.

2.2. Preparation of INT-Dispersed Aqueous Solutions. The
preparation procedure of INTs was described in our previous
report [20]. In brief, 18.47 g of aluminum chloride (AlCl

3
⋅

6H
2
O; Wako Pure Chemicals, Japan) and 9.20 g sodium

silicate (Na
4
SiO
4
⋅nH
2
O; Wako Pure Chemicals, Japan) were

dissolved in 500 g of distilled water, respectively; Si/Al molar
ratio of 0.41. sodium hydroxide (NaOH, 1mol/L; Wako Pure
Chemicals, Japan) aqueous solution was slowly added to the
above described sodium silicate/aluminum chloride solution
until pH of the solution reached 6.8. The resulting samples
were separated by centrifugation, and the obtained precip-
itates were rinsed with distilled water. The centrifugation-
rinsing process was repeated three times, and then the alu-
minum silicate precursors were dispersed in 12 L of distilled
water by acidification with hydrochloric acid (HCl, 5mol/L;
Wako Pure Chemicals, Japan). The precursor solution was
heated at 95∘C for 4 days. Finally, the dispersed INTs in an
aqueous solution with a concentration of 0.087wt% were
obtained.

2.3. INT Modification of the Cotton-Like PLLA/SiV by a
Dip-Coating Method. The INT-dispersed aqueous solution
was diluted with ethanol to prepare the suspension for the
dipping process. The weight ratio of INT-dispersed aqueous
solution : ethanol was 10 : 90 or 50 : 50. It is well known that
the vaterite of SiV is in the unstable phase in water and easily
transforms into calcite [22, 23]. Ethanol was used for dilution
because the vaterite is known to be more stable in ethanol
than in water [24]. Cotton-like PLLA/SiV was dipped into
the suspension and dried in a vacuum chamber at room
temperature. The sample, which was modified using 50%
diluted suspension, was denoted as PLLA/SiV-INT(50-1). In
the case of 90% diluted suspension, the sample was prepared
by the dipping process by repeating it 5 times andwas denoted
as PLLA/SiV-INT(10-5), hereafter.

2.4. Evaluation of INT-Modified Cotton-Like PLLA/SiV. The
morphology of cotton-like PLLA/SiV fibers was observed by
field emission gun scanning electron microscopy (FE-SEM)
(JSM-6301F, JEOL, Japan), incorporating energy dispersive
X-ray spectroscopy (EDS) (Vantage, Noran, USA), after
coating with amorphous osmium by plasma chemical vapor
deposition.

The static water contact angles on the pressed samples, by
uniaxial pressing under a pressure of 20MPa for 5 sec, were
measured with a CCD camera using SImage minisoftware.
The contact angles were determined from the average of
measurements at ten random points per sample (i.e., 𝑛 = 10).
The crystalline phases of calcium carbonates were analyzed
with an X-ray diffractometer (XRD) (PANalytical X󸀠 pert-
MPD, Netherlands; CuK𝛼: 45 kV, 40mA).
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Figure 1: SEM images of (a) PLLA/SiV and ((b), (c)) INT-modified PLLA/SiV; (b) PLLA/SiV-INT(50-1) and (c) PLLA/SiV-INT(10-5).

Each sample of 10mg was soaked in 10mL of Tris buffer
solution (pH ∼7.4) at 37∘C for 24 h. The released calcium
and silicate ion amounts from samples were measured by
inductively coupled plasma-atomic emission spectroscopy
(ICP-AES) (ICPS-7000, Shimadzu, Japan). Three specimens
at each point were measured (i.e., 𝑛 = 3).

2.5. Cell Culture. Twenty milligrams of each sample was put
in a well of 24-well plates and compressed with a silica glass
tube of 15mm outer diameter, 12mm inner diameter, and
15mm height. The resultant samples were sterilized using
ethylene oxide gas. The samples were wetted by ethanol
and then they were rinsed with a culture medium (alpha
minimum essential medium, 𝛼-MEM) containing 10% fetal
bovine serum. Murine osteoblast-like (MC3T3-E1) cells were
seeded onto the samples with a density of 200,000 cells per
well and incubated 3 h at 37∘C in 5% CO

2
for evaluation of

their initial attachment. After the incubation, the samples
were rinsed with 𝛼-MEM and then incubated in the culture
medium containing the reagent of the Cell Counting Kit-
8 (CCK-8; Dojindo, Japan) at 37∘C for 2 h. The attached
cell number on samples was colorimetrically estimated by
measuring the absorbance of the resultingmedium at 450 nm
(𝑛 = 3). Differences between the samples were determined
by Student’s t-test, with 𝑃 < 0.05, which is considered
to be statistically significant. The samples after 3 h of the
incubation were fixed with 2.5% glutaraldehyde for 40min at
4∘C, dehydrated through a series of increasing concentrations

of ethanol, and finally dried with hexamethyldisilazane. The
morphology of attached cells on samples was observed by FE-
SEM.

3. Results and Discussion

Figure 1 shows the fiber morphologies of cotton-like PLLA/
SiV before and after INT modification. The average and
standard deviation of 100 parts of electrospun fiber diameters
were 12 and 3 𝜇m, respectively. Temperature and relative
humidity are known as minor factors in the controlling of
fiber diameter [25]. The temperature and relative humidity
could affect the certain random fiber diameters of PLLA/SiV.
As shown in Figure 1(a), the fibers have numerous pores
of submicrometer diameter on their surfaces, due to the
volatilization of the solvent during electrospinning. The fiber
surface of PLLA/SiV-INT(50-1) was covered partially with
the aggregated INTs, as shown in Figure 1(b). On the other
hand, as shown in Figure 1(c), the numerous pores on the
fiber surface of PLLA/SiV-INT(10-5) were observed; there
was almost no change in the fiber morphology between the
samples before and after 5 times of the dip-coating using
highly diluted solution. INT-containing solution diluted
with ethanol is considered to reduce the formation of INT
aggregates. The aggregation rate of INTs maybe reduced in
lower INTs concentration with an ethanol diluted solution.
The EDS analysis (not shown here) exhibited the existence
of aluminum, originated from INTs. The amount of detected
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Figure 2: (a) Calcium and (b) silicon amounts released from PLLA/SiV and PLLA/SiV-INT(10-5) after soaking in Tris buffer solution. Circle:
PLLA/SiV, diamond: PLLA/SiV-INT(10-5).

aluminum was ∼5.0 ± 1.8 at % in PLLA/SiV-INT(10-5). This
result indicated that INTs were coated on PLLA/SiV fiber
surfaces by dip-coating. The crystalline phase of calcium
carbonate (vaterite) in cotton-like PLLA/SiV was identified
fromXRD analysis; the peak of calcite did not appear. Almost
no differences in the XRDpatterns of between samples before
and after the modification were observed. No conversion of
vaterite into calcite occurred during the repeated dip-coating
process.

In EDS analysis of our previous report, almost no Al
was detected on the fiber of fiber mats by dipping [20].
The hydrophobic surface of PLLA/SiV could be a cause of
the difficulty to INT modifying because the INTs dispersed
solution was based in water. The surface tension is a decisive
factor to determine the wettability of a liquid on the solid
surface [26]. Vázquez et al. reported that surface tension of
the ethanol aqueous solution decreased with increasing the
ratio of ethanol [27]. In case of ethanol diluting, the INTs
aqueous solution could get high wettability with PLLA/SiV
fibers surface. Thus, dip-coating with ethanol diluted INTs
solution could be a useful method for INT modifying of the
surface of cotton-like PLLA/SiV.

In contact angle measurement, the water drop penetrated
into the INT-modified samples, immediately. In contrast,
the contact angle of PLLA/SiV was 105∘. INT modification
was found to have an excellent effect on the improvement
of the fibers in the cotton-like PLLA/SiV, owing to high
water-absorption ability of the nanotube structure [28, 29].
As a result, the INT-modification makes it easier for the cell
suspension to penetrate into the matrix. That is, we believe
that there is no difference in the hydrophilicity between the
INT-modified samples. PLLA/SiV-INT(10-5) was discussed
to compare it with PLLA/SiV, hereafter.
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Figure 3: CCK-8 viability assay of MC3T3-E1 cells after 3 h of
incubation on PLLA/SiV and PLLA/SiV-INT(10-5).

Figure 2 shows the released calcium and silicate ion
amounts from samples. Both samples showed a similar trend
on their releasing behaviors, independent of INT modifi-
cation. It is supposed that the INT modification does not
interrupt the calcium and silicate ions release fromPLLA/SiV
fibers.

Figure 3 shows attached cell numbers after 3 h of incu-
bation on the samples. It is considerable that the great parts
of seeded cells were passed through the cotton-like samples
because the samples have very high porosity. The attached
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Figure 4: SEM images ofMC3T3-E1 cells after 3 h of incubation on ((a), (b)) PLLA/SiV and ((c), (d)) PLLA/SiV-INT(10-5). Asterisk indicates
the attached cells.

cell numbers on PLLA/SiV-INT(10-5) were almost twice of
those on PLLA/SiV. Figure 4 exhibits the cell morphologies
on the samples after 3 h of incubation. The cells on the
PLLA/SiV were still spherical, as shown in Figures 4(a) and
4(b). In contrast, the cells on PLLA/SiV-INT(10-5) weremore
spread widely than those on PLLA/SiV. Some of them on
PLLA/SiV-INT(10-5) were bridged between adjacent fibers.
Aoki et al. reported that the well-spreaded cells adhered
stronger and have more affinity to scaffold than round
cells [30]. This suggests that the INT-modified cotton-like
PLLA/SiVhasmore favorable surface for cell attachment than
PLLA/SiV. Some reports suggest that the protein adsorption
on the surface of materials contributes to cell adhesion
[31, 32]. In our preliminary experiment, imogolite showed
high adsorption ability with cell-adhesive proteins such as
fibronectin or vitronectin. The cell-adhesive proteins might
bemore easily adsorbed on the fiber surfaces of INT-modified
cotton-like PLLA/SiV than those of the PLLA/SiV.Therefore,
the evaluation on protein adsorption ability of INT-modified
cotton-like PLLA/SiV is currently in progress.

4. Conclusions

The fiber surface of cotton-like PLLA/SiV was modified suc-
cessfully with imogolite nanotubes by a dip-process using
ethanol-diluted aqueous solution. There was almost no
change in the fiber morphology even after the surface modi-
fication. The calcium and silicate ions releasing behavior of

themodified samplewas almost the same as that of PLLA/SiV.
The cell adhesion on PLLA/SiV was enhanced by surface
modification with imogolite. Thus, the surface modifica-
tion may be useful for improving cellular compatibility of
biodegradable polymer materials.
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An auxetic polyurethane (PU) scaffold was prepared to investigate chondrocyte proliferation under compressive stimulation for
cartilage regeneration. To give a negative Poisson’s ratio to the PU scaffold, volumetric compression with a 3 : 1 ratio was applied
during heat treatment. For the control PU scaffold, the Poisson’s ratio was 0.9 ± 0.25 with elongation at 20% of the strain range.
Poisson’s ratio for experimental specimens was approximately −0.4 ± 0.12 under the same conditions. In cell proliferation tests, cells
were cultivated within the prepared scaffold under compression with a 20% strain range. With a 20% strain range elongation, the
compressive load was approximately 0.3N. The experimental group showed a 1.3 times higher cellular proliferation rate than that
of the control group after 3 days in culture. At day 5 of culture, however, the rate of proliferation of the control group increased so
that there was no significant difference between groups. However, collagen content (produced by the cells) in the cell-proliferated
medium was 1.5 times higher in the experimental group after 5 days in culture. This may have been due to the effectiveness of the
auxetic structure of the scaffold. An isotropic compressive load was transmitted to the cells due to the negative Poisson ratio of the
scaffold.

1. Introduction

Bone and cartilage generation by autogenous cell/tissue
transplantation is one of the most promising techniques in
orthopedic surgery and biomedical engineering [1]. Due to
the inability of avascular and aneural tissues to self-heal,
even minor cartilage defects can result in mechanical joint
instability and progressive damage, and cartilage damage
is notoriously difficult to treat and cure [2]. Autologous
cell-based tissue engineering using three-dimensional (3D)
porous scaffolds has provided an option for the repair of full
thickness defects in adult cartilage tissue [3]. The scaffold
or 3D construct provides the necessary support for cells to
proliferate and maintain their differentiated function, and its
architecture defines the ultimate shape of the new bone and
cartilage [4].

All these natural and artificial materials for 3D scaffolds
have a convex cell shape and exhibit a positive Poisson’s
ratio, which is defined as the negative of the lateral strain
divided by the longitudinal strain when a load is applied in

the longitudinal direction [5]. On the other hand, materials
or structures that contract in the transverse direction under
uniaxial compression or expand laterally when stretched are
said to have negative Poisson’s ratios [6, 7].This phenomenon
is the opposite of the behavior of a positive Poisson’s ratio
due to the effect of the material structure. For negative
Poisson’s ratio material, the structures are commonly known
as auxetic structures, which are similar to a reentrant hon-
eycomb structure [8]. This reentrant shape is fabricated
by transforming a conventional honeycomb shape into the
concave structure that finally produces the auxetic structure.
As shown in Figure 1, the reentrant structure unfolds under
tension and gives rise to a negative Poisson’s ratio. Usually,
an allowable range of Poisson’s ratio is −1.0 to 0.5 based on
the thermodynamic consideration of strain energy in the
theory of elasticity [9]. In the last two decades, the behavior
of the negative Poisson’s ratio was predicted, discovered, or
deliberately introduced in various materials, such as foam
and microstructure polymers [10, 11]. This sort of material
is expected to have interesting mechanical properties, such
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Figure 1: Behaviour of positive Poisson’s ratio and negative Poisson’s
ratio when subjected to tensile loading. The pores have a rounder
shape (a), while in (b), the pore space is larger, giving rise to a
negative Poisson’s ratio [11].

as high energy absorption, fracture toughness, indentation
resistance, and enhanced shear moduli, which may be useful
in some applications [6].

Auxetic materials are known to exhibit various enhanced
physical characteristics over their conventional counter-
parts [10]. They show increased indentation resistance and
improved acoustic damping properties.These enhanced char-
acteristics make negative Poisson’s ratio materials perform
better in many practical applications; however, although
these enhanced properties have been studied in industrial
and academic fields, there have been few studies in tissue
engineering. Fozdar et al. reported that there are possibilities
to fabricate tunable negative Poisson’s ratio scaffold by digital
micromirror device projection printing for tissue engineering
applications [12].

In cartilage tissue engineering, a focus has been on
the relationship between chondrocyte response and physical
properties of the scaffold (i.e., stiffness, hydrophilicity). How-
ever, knowledge is lacking about chondrocyte behavior with
mechanical stimulation in a negative Poisson’s ratio scaffold.
Mechanical stimulation associated with normal body func-
tions is crucial in properly reforming articular cartilage with
tissue engineering [2].

In this study, we form an auxetic structural polyurethane
(PU) scaffold for cartilage regeneration and investigate chon-
drocyte proliferation effectiveness within the auxetic scaffold
under mechanical (compression) stimulation.

2. Materials and Methods

2.1. Specimen (Scaffold) Preparation. PU foamwas purchased
from Kumsung Sponge Co. (Seoul, Republic of Korea).

Volume ratio
V0 : V1 = 2.5 ∼ 3 : 1

Scaffold (V0) Compressed scaffold (V1)z

y

x

Figure 2: Schematic diagram of the preparation of an auxetic
scaffold (compressive volume ratio = 2.5∼ 3.0).

PU foams were treated with 70% ethanol for 30min for
sterilization.

Control specimens were prepared with 60 ppi PU foam.
Pore size and shape of experimental specimens were con-
trolled by heating and compression. A metal mold with
dimensions of 5 cm × 5 cm × 7.5 cm was used to prepare
specimens. To materialize the auxetic structure, the desired
volumetric ratio was estimated as 3.0 based on a predeter-
mined calculation. A schematic diagram of the process is
presented in Figure 2.The initial sample size of the PU sample
was cut to approximately 8 cm × 8 cm × 9 cm, giving an
initial volume to final volume ratio of 1 : 3 after applying
compression.The PU foamwas then placed carefully into the
mold, using a tongue depressor to prevent wrinkles.The foam
was pulled and adjusted at each end to ensure that it fit the
mold exactly.Themetallic mold was then placed in the center
of a furnace (preheated to 150∘C) for 30min at 200∘C under
triaxial compression in order to produce a reentrant structure
of the PU foam. Then, the mold was cooled slowly to room
temperature.Themold containing the PU foamwas removed
from the furnace, and the heat-treated PU foamwas removed
from the mold and cut into small cylindrical shapes.

2.2. Estimation of Poisson’s Ratio. Poisson’s ratio was esti-
mated by image processing [13, 14]. A digital microscope
(BX51; Olympus Corporation, Tokyo, Japan) was used to
measure Poisson’s ratio of the specimens. Compressive load-
ing was applied to the specimens with a material testing
machine (LRX-PLUS; Lloyd Instruments, West Sussex, UK).
The experimental setupwith themicroscope for capturing the
specimen while applying a load to measure the displacement
of the specimen is shown in Figure 3.The relative positions of
pointed marks were used to estimate the strain and Poisson’s
ratio. Images were processed with Photoshop 7.0. For each
specimen, five measurements were taken from a 0.05 to
0.25 strain range, as shown in Figure 4. In-built tools of the
digital microscope were used to measure the 𝑥-axis and 𝑦-
axis displacements, which were then calculated using (1) to
determine Poisson’s ratio.
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Figure 3: Experimental setup with microscope for capturing the
specimen while applying a load to measure the displacement of the
specimen with the points (A to D).

Compression to 0% 5% 10% 15% 20% 25%

Take a photo

Strain

Figure 4: Strain intervals while applying load for taking photos to
measure displacement of the prepared specimens.

In order to investigate pore shapes and distribution,
a cross section of the scaffold was observed by Scanning
Electron Microscope (S-4300DSE, HITACHI, Tokyo, Japan).
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2.3. Chondrocyte Isolation and Culture. Porcine cartilage was
harvested from the lateral and medial condyle of 6-month-
old pig hinge legs. The obtained cartilage was chopped
into small pieces with sterilized scissors. The cartilage was
digested for 4 h in Dulbecco’s Modified Eagle Medium
(DMEM,Gibco) containing 2mg/mL collagenase and filtered
through a nylon sieve cell strainer (Falcon, New Jersey,
USA) having an 80𝜇m pore size. The cells were rinsed
with phosphate buffered saline (PBS) solution (Lonza, Walk-
ersville, USA) and then centrifuged at 1500 rpm for 5min.
The centrifuged cell pellet was washed with PBS, and the
number of cells was determined by using a hemocytometer.
Chondrocytes were then cultured in cell culture flasks with
DMEM supplemented with 10% fetal bovine serum (Gibco)

and 1% antibiotics (Gibco) in a humidified incubator with 5%
CO
2
at 37∘C.The media were exchanged every 3 days.

2.4. Cell Proliferation Estimation. For sterilization of the
specimens in order to culture the prepared cells, all specimens
were incubated with 70% ethanol for 1 h, followed by washing
three times with PBS solution. For cell seeding, second to
third passage chondrocytes were used. An initial cell density
of 2.0 × 105 (cells/specimen) was seeded in a humidified
incubator containing 5% CO

2
at 37∘C. Cells were cultured in

the prepared scaffold with static compression (compression
with 20% strain). The exerted static load from 20% strain
elongation of the prepared scaffold was about 0.3N. The
cellular proliferation rate was measured by using the Cell
CountingKit (CCK-8; DojindoMolecular Technologies, Inc.,
Maryland, USA) and the Sircol collagen assay kit (Biocolor,
Antrim, UK). Experiments were observed on days 1, 3, and
5. The absorbances of the CCK-8 solution (DMEM :CCK
solution = 10 : 1) and Sircol collagen assay solution were
measured by using a Fluorescence Multi-Detection Reader
(Synergy HT, BIO-TEK Instruments, Inc., Vermont, USA) at
450 nm and 550 nm, respectively.

2.5. Statistical Analysis. Data were expressed as mean ±
standard error for all comparisons. A 𝑡-test was used to
evaluate differences between groups (𝑃 < 0.05).

3. Results and Discussion

A PU scaffold with a negative Poisson’s ratio was formed by
creating a reentrant cell structure inside the foam. The origi-
nal microstructure of the PU foam is shown in Figure 5(a);
the pores are well distributed and uniform in shape and
size. For formation of negative Poisson’s ratio scaffolds, a
compressive load was applied with thermal treatment; this
resulted in the transformation of the microstructure from
a convex cell shape to a deformed cell shape as shown in
Figure 5(b). The cell shapes were deformed and generated
new bonding and debonding between the cells [15]. As a
result, Poisson’s ratio of the control group was estimated
as 0.9 ± 0.25 on average with 20% strain elongation via
compressive loading. In contrast, the experimental group had
a Poisson’s ratio of approximately −0.4 ± 0.12 with 20% strain
elongation via compressive loading (Figure 6).

In the cellular proliferation test, the experimental group
had a 1.3 times higher cellular proliferation rate compared
to the control group 3 days after cell seeding. At day 5 in
culture, the experimental group had a 1.2 times higher cellular
proliferation rate, but there was no significant difference
between groups, as shown in Figure 7. However, results of
the Sircol collagen assay showed that the amount of collagen
produced by the cells after 3 and 5 days in culture was about
1.5 times higher in the experimental group (𝑃 < 0.05), as
shown in Figure 8.This is an important finding because colla-
gen production is essential for proliferated cells to construct
extracellular matrix in tissue engineering.The results suggest
that isotropic compressive stimulation occurred due to the
auxetic structure of the scaffold and isotropic mechanical
stimulation was effectively transmitted to the cells through
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Figure 5: Microstructures of polyurethane scaffolds: (a) a control specimen and (b) an experimental specimen.
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Figure 6: Poisson’s ratio variation of prepared polyurethane scaf-
folds with strain ranges with compressive loading (∗𝑃 < 0.05, 𝑛 = 5).

the scaffold. Isotropic compressive stimulation was favorable
for chondrocyte proliferation and collagen production. The
results indicate that isotropic compressive stimulation could
bemore effective on collagen production during chondrocyte
proliferation, which is a good indicator for the construction
of extracellular matrix as well as cartilage tissue, and that
chondrocytes preferentially proliferate on a negative Poisson’s
ratio PU scaffold rather than a conventional scaffold because
of isotropic mechanical stimulation.

The cellular proliferation decrease after 5 days in culture
could be affected by viscoelastic properties of the scaffold.The
applied load to the scaffold would be transmitted sufficiently
to the cells during the initial 3 days; however, on day 5, the
compressive load should be decreased due to stress relaxation
of the PU scaffold. Hence, it is inferred that the increase in
cellular proliferation decreased at day 5 compared with the
initial 3-day cultivation period.
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Figure 7: Chondrocyte proliferation rate on polyurethane scaffolds.
Values were normalized (𝑛 = 5, ∗𝑃 < 0.05).

4. Conclusions

It is well known that physical and/or chemical stimulation
is effective for cellular proliferation during cell cultivation.
We used PU foam to investigate the formation of an auxetic
structural scaffold and the effectiveness of cell proliferation
in the scaffold with mechanical stimulation. With compres-
sive load stimulation, the auxetic PU scaffold successfully
transferred the compressive load isotropically to the cells.
Hence, the auxetic scaffold could be effective for chondrocyte
proliferation with compressive load stimulation. From this
study, we confirmed that mechanical stimulation is effective
for chondrocytes proliferation and that isotropic stimulation
could bemore effective for collagen production from the cells.

Biodegradable polymeric scaffolds are widely used in
tissue engineering, but there have been few studies related
to auxetic biodegradable scaffolds. Hence, we suggest that
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Figure 8: Relative amount of collagen within the PU scaffold during
cell cultivation. Values were normalized (𝑛 = 5, ∗𝑃 < 0.05).

biodegradable polymeric scaffolds should be considered for
forming an auxetic structure as well as for isotropic mechan-
ical stimulation in cartilage tissue engineering.
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The use of magnesium-alloy stents shows promise as a less intrusive solution for the treatment of cardiovascular pathologies as
a result of the high biocompatibility of the material and its intrinsic dissolution in body fluids. However, in addition to requiring
innovative solutions inmaterial choice and design, these stents also require a greater understanding of themanufacturing process to
achieve the desired quality with improved productivity.The present study demonstrates the manufacturing steps for the realisation
of biodegradable stents in AZ31 magnesium alloy. These steps include laser microcutting with a Q-switched fibre laser for the
generation of the stent mesh and subsequent chemical etching for the cleaning of kerf and surface finish. Specifically, for the laser
microcutting step, inert and reactive gas cutting conditions were compared. The effect of chemical etching on the reduction in
material thickness, as well as on spatter removal, was also evaluated. Prototype stents were produced, and the material composition
and surface quality were characterised. The potentialities of combining nanosecond laser microcutting and chemical etching are
shown and discussed.

1. Introduction

Asmaterials processing technology advances, advancedmed-
ical devices that depend on intrinsic material properties for
their function have become available. The idea of using bio-
compatible and even biodegradable materials for biomedical
implants has been a matter of historical discussion. The first
use of Mg in a medical device, in the form of wire ligatures to
stop bleeding in patients, was recorded as early as 1878 [1].The
development of high-precisionmicromachining technologies
has enabled the use of advanced materials, realising a high
precision in complex forms and small dimensions.

Biodegradability, referring to the dissolution of the med-
ical device inside the human body once it fulfils its duty,
has become one of the most attractive properties in cardio-
vascular stents. This property is crucial for the treatment of
infant patients, because, the vessel grows as the patient grows
older. Magnesium is both biocompatible and biodegradable
and, as a metal, possesses mechanical properties that are
superior to those of biodegradable polymers, both in terms

of yield stress and maintaining the expanded shape without
excessive recoil. As a result, Mg and its alloys have been
receiving increased attention from the medical communities
for various biomedical implant applications [2], including
cardiovascular stents [3–6].

With an increasing demand in the market for stents,
developing process cycles capable ofmaintaining high level of
quality and increased productivity becomes essential. While
various methods for stent manufacturing are available (such
as braiding and knitting of wires, vapour deposition of the
stent mesh, photochemical etching of sheets and tubes, water
jet cutting of tubes, and electric discharge machining), the
vast majority of the stents is produced via laser microcutting
of hollow tubes [7–9]. Among these options, industrial
solutions are being adapted for the laser microcutting of Mg
stents, although limited information regarding the manufac-
turing conditions has been disclosed [5, 6, 10, 11]. On the other
hand, photo-chemical machining has been demonstrated to
be a suitable production method for magnesium-alloy stents
[12, 13]. As the most commonly applied process in industrial
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Figure 1: Laser microcutting setup used for the laser microcutting of AZ31 tubes.

stent production, laser microcutting provides a flexible solu-
tion for achieving complex geometries on a variety of mate-
rials without requiring the use of dedicated masks or dies.
In the last decade, the introduction and rapid diffusion of
fibre lasers into the market have resulted in their utilisation
in microcutting applications that includes stent fabrication
[14–16]. Ultra-fast lasers with ps to fs pulse durations have
been applied to stent fabrication, providing improved cutting
quality with limited thermal damage on the material [17–19].
These systems still require higher capital and maintenance
costs than other laser systems. A balance between quality
and productivity is essential, first to fulfil the market demand
and subsequently to reduce production costs. This balance
can be achieved by combining laser microcutting process
characterised by a good balance between productivity and
low thermal damage (aswould be provided byns-pulse lasers)
and chemical cleaning processes and optimizing the overall
process chain.

Laser processing of magnesium and its alloys has been
explored sparingly. Literature dealing with the laser process-
ing of magnesium alloys can be found mainly in the field of
welding [20–22], and limited information is available in the
case of laser cutting [23–25]. The existing studies describe
laser cutting in the macrodimensional range, whereas lim-
ited information is available on the microcutting of these
alloys [26]. Although biodegradable stents in Mg alloys are
currently being developed industrially, with ongoing clinical
trials, to authors’ knowledge, there is no literature dealing
with the manufacturing of these devices.

This study describes the manufacturing of biodegradable
Mg stents in AZ31 alloy. The production cycle involves laser
microcutting of small diameter tubes with a Q-switched fibre
laser operating in ns-pulse regime, followed by a finishing
operation of chemical etching with an HNO

3
ethanol solu-

tion. The morphological and material-related attributes of
the manufactured stents were characterised extensively after
each production step. The results imply that the production
cycle employed in this work is suitable for manufacturing the
complex shape of the stent mesh on AZ31 magnesium-alloy
tubes with a high precision.

2. Experimental

In this section, the novel mesh design and material selection
criteria are introduced. The manufacturing steps are then
presented in sequential order: first, the incision of the stent
mesh on tubular material, second, chemical etching as a
finishing operation for cleaning the dross and oxidised
zones around the cutting area and completing the material
separation. Finally, methods for evaluating kerf quality and
material composition are described.

2.1. Mesh Design and Material Selection. The mesh design
development is not investigated in this work. The developed
mesh resulted from design optimisation through a 2D mor-
phing procedure to retain minimum strain with maximum
mass [31]. Among a group of candidate magnesium alloys,
AZ31 was found to be the most suitable, due to the higher
availability of the alloying elements (i.e., the alloy does not
include rare earth elements). Moreover, the formability of the
alloy for extrusion of semi-finished hollow tubeswas found to
be better [32]. The AZ31 tubes used in stent fabrication were
2.5mm in outer diameter and 0.2mm in thickness.

2.2. Laser Microcutting. Laser microcutting was carried out
using a Q-switched fibre laser system operating in the ns-
pulse regime (IPG Photonics YLP-1/100/50/50).The laser was
coupled to a microcutting head with a 60mm focal lens and
a coaxial nozzle with a 0.5mm diameter for the addition of
process gas (Laser Mech Fine Kerf). To control positioning,
2 linear axis stages (𝑋- and 𝑌-axis) and a spindle (𝐵-axis),
both using micrometric precision, were integrated (Aerotech
ALS-130, ACS-150). The system was adaptable to both 2D-
flat sheet and 3D-tubular cutting. To allow handling of the
small tubes without deflections a tube-holding apparatus was
adapted to the system. The details of the laser microcutting
setup are described in Table 1, and the system components
can be seen in Figure 1.

Compared to the laser microcutting of flat sheets, laser
microcutting of small tubes has a narrower process parameter
window, due to machining a close profile. When ns laser
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Figure 2: Common limitations in laser tube microcutting with ns-pulse laser sources.

Table 1: General specifications of the laser micromachining system
used in the laser microcutting of AZ31 tubes.

IPG Photonics YLP-1/100/50/50 pulsed fibre laser
Wavelength 1064 nm
Maximum average power 50W
Maximum pulse energy 1mJ
Minimum pulse duration (FWHM) 100 ns
Pulse repetition rate 20–80 kHz
Collimated beam diameter 5.9mm
Beam quality factor (M2) 1.7
Focused beam diameter 23 𝜇m

High precision positioning system
Spindle accuracy ±72.7 𝜇rad
Linear axis accuracy 1 𝜇m

pulses are used, the mechanisms of material removal become
a mixture of ablation from the top side of the kerf and melt
expulsion from the bottom of the kerf as it is opened to its
fully cut thickness. Thus, low power density conditions gen-
erate blind grooves on the material without generating a fully
open kerf, while high power density conditions can machine
beyond the side of the tube on which the beam is projected
and cause damage to the backside (see Figure 2). Accordingly,
the allowable range for the laser microcutting parameters
was determined by preliminary experiments on flat AZ31
sheets with 200𝜇m to achieve cutting conditions suitable for
generating the finemesh geometry. Average power of the laser
was varied between 4.5–7.5W, while pulse repetition rate was
fixed as 25 kHz. Cutting speed of 2mm/s was used to allow
the positioning system to operate in the correct regimewithin
the complicated mesh trajectory. Regarding the process gas,
literature pertaining to the laser cutting ofMg alloys describes
the issues of dross formation and related limitations in the
quality of the cut kerf. One proposedmethod for dealing with

Table 2: Processing conditions for laser microcutting of AZ31.

Average power 4.5–6.0–7.5W
Pulse energy 0.18–0.24–0.30mJ
Pulse repetition rate 25 kHz
Cutting speed 2mm/s
Process gas type Ar, O2

Process gas pressure 7 bar
Focal position 0mm

these issues involves the use of multiple assist gas nozzles and
the manipulation of the gas flow to facilitate the movement
of molten material [23]. Due to dimensional restrictions,
these considerationswere not applicable in this study. Instead,
two different process gas conditions for microcutting were
studied: an inert gas condition using Ar (purity 99.998%)
and a reactive-cutting condition using O

2
(purity 99.95%)

in which the oxidation enthalpy is combined with the laser
energy. Both conditions were applied at a pressure of 7 bar.
This intermediate value was chosen, because higher pressures
can cause material deflection throughout the laser micro-
cutting operation. Although lower pressures can be prefer-
able for reactive gas cutting involving O

2
, in this case, an

intermediate pressure was chosen to include the mechanical
ejection of material from the bottom of the opened kerf.
The laser microcutting conditions are summarised in Table 2.
Chemical etching was employed on the stent mesh cut on flat
sheets until separation was achieved or 25% of the material
thickness was lost. The conditions were compared in terms
of full separation after chemical etching, and parameter sets
were determined for tube cutting.

On the tubular material, first, linear incisions were made
along the tube axis to characterise the kerf quality after laser
microcutting and chemical etching. The same conditions
were used for the laser microcutting of the stent mesh on the
tubes.
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Figure 3: Laser cutting of stent mesh with different power and process gas conditions on flat AZ31. Samples show results after chemical
etching. The non-separated specimens were etched until the sheet thickness was reduced to 0.16mm.

2.3. Chemical Etching. A solution consisting of 10mL HNO
3

and 90mL ethanol was employed, based on an etchant used
for magnesium polishing [33]. Chemical etching was applied
at room temperature, and after immersion in the etching
solution, the samples were rinsed with water, cleaned in an
ultrasonic bath, while being submerged in ethanol, and then
dried in ambient air. Each set of samples was etched in 50mL
of fresh etchant. Although the etching step is intended to
remove the dross and recast areas around the cutting zone,
it is possible that the solution may also significantly etch the
stent body, causing a reduction in both weight and thickness
[34]. Thus, the effect of the etching solution in reducing
the thickness of the material was first studied on 0.4mm
thick AZ31 flat sheets. When samples were immersed for
less than 5 seconds, etching did not activate, no cleaning
effect was observed, and no significant thickness reduction
was measured.The etching duration was thus varied between
5–600 seconds. Specimens were photographed before and
after chemical etching using an optical microscope (Leitz
Ergolux 200), and the thicknesses were measured using
image processing software (Leica IM50). Using these mea-
surements, a regression model was derived to predict the
thickness reduction (Δ𝑟 [𝜇m]) as a function of etching time
(𝑡 [s]) for etching durations ranging between 5–600 seconds.
This model was used to determine the limiting etching
duration that would generate a 20𝜇m thickness reduction,
which corresponds to 10% of the tube thickness used for
stent manufacturing. Chemical etching was then applied to
the laser microcut stents, for this determined duration to
reveal the efficacy of the process in removing the dross and
completing the kerf separation.

2.4. Methods and Instruments for the Evaluation of Kerf Qual-
ity. Scanning electron microscopy (SEM) was applied to
capture morphological images of the linear cuts after the
laser microcutting and chemical etching steps to assess their

geometrical attributes (Zeiss LEO 1430). Spatter height was
also measured from the SEM images, with 4 replications
taken along the cutting axis. The incisions on the tubes
were sectioned after chemical etching to reveal the kerf
geometry. The kerf width was measured at the laser entrance
and exit sides on the transverse sections of the cuts, with
4 replications. SEM images were also obtained for the laser
microcut stents after each processing step for qualitative
morphological analysis.

The chemical composition of the final stent produced
with the chosen processing conditionswas also characterised.
Energy-dispersive X-ray spectroscopy (EDS) was used to
identify material chemical composition after each manufac-
turing step, which was compared to the initial composition.
Three measurements were taken at two distinct positions, as
follows.

(i) The stent wall: the side of the laser-microcut kerf that
remains on the stent body.

(ii) The external surface of the stent: the part of stent that
does not interact directly with the laser beam, which
is the contour defined by the outer diameter of the
tubular raw material.

Imaging with back scattered electrons was also employed
to reveal differences in elemental mass and thereby revealing
the oxidation zones. Surface roughness measurements were
carried out on the stent wall with focus-variation-based
optical imaging (Alicona Infinite Focus).

3. Results

3.1. Laser Microcutting. The initial cuts made on the flat
sheets revealed the strong influence of the process gas, as
complete separation after chemical etching was only possible
in the case of cuts made with Ar (see Figure 3). In this case
the minimum average power level for complete separation
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Figure 4: SEM images of the linear incisions on the AZ31 tube obtained with Ar and O
2
process gasses.

after chemical etching was 6W.The stent meshes cut with O
2

were not separable from the scrap in any of the experimented
conditions, and the chemical etching was stopped when the
thickness of the flat sheets was reduced to 0.16mm. Although
in this initial phase reactive gas cutting with O

2
was found to

not be suitable for the microcutting of AZ31, it was retained
in the further study for a better comprehension of the effect
of the process gas. Two conditions using the same average
power at 7.5W and pulse repetition rate at 25 kHz with O

2

and Ar as the process gas were selected for further analysis.
With these selected conditions linear incisions and stent
mesh were generated on the tubular material to understand
better themechanisms governing the difference in the cutting
conditions with the different process gasses.

The linear incisions showed the presence of spatter
around the cut kerf for both process gas conditions. However,
the SEM images revealed different spatter characteristics in
terms of the amount and morphology for the two cases (see
Figure 4). The spatter height was estimated to be 84.6 ±
11.6 𝜇m for the cuts made using Ar as the process gas and
26.4 ± 6.8 𝜇m for the cuts made using O

2
. A granular

spatter structure with droplets around the kerf is visible
on the cuts made with Ar. This observation suggests that
material is ejected in the form of droplets. It can be hypoth-
esised that explosive behaviour occurs, ejecting a portion
of the material upwards, while the remaining material runs
out from the lower end of the open kerf. This behaviour
would be induced by ablation conditions yielding sufficiently
high local temperatures to allow explosive boiling, that
is, generating bubble formation, which then collapse. The
splashing material is also pushed laterally with respect to the
cutting direction by the process gas pressure. In contrast,
the reactive cutting conditions using O

2
as the process

gas show a reduced volume of spatter and an amorphous
morphology, with no droplets around the cutting area. This
observation suggests that the spatter was deposited from
the liquid phase. Thus, the quantity of spatter generation
is limited compared to the inert gas conditions. However,

top-view images show an irregular and narrow kerf, suggest-
ing that molten material is also deposited inside the kerf.

Figure 5 shows the stents cut using the different process
gas conditions. The integrated machining system was able to
generate the complex form of the stent, and the scrap mate-
rial was kept intact on the tube. The spatter characteristics
observed for the linear cuts were replicated in the production
of the complicated stentmesh trajectory. Due to the increased
length of the cuts, the spatter deposited in the formof droplets
is more visible in the case of Ar processing. The stents cut
with O

2
are overall cleaner on the surface; however, the kerf

is evidently narrower.This observed narrower kerf is hypoth-
esised to result from the formation of MgO, which possesses
a high melting temperature, around the cut area. Thus, even
with the increased available energy provided by the enthalpy
of oxidation, kerf expansion in the lateral direction relative to
the cutting front is interrupted once theMgO layer is formed.

3.2. Chemical Etching. Figure 6 reports the measured reduc-
tion values and the fitted model for the initial phase of
the chemical etching study. A linear model was found to
be adequate across the experimental interval. It should be
noted that the regression model cannot be applied to predict
thickness reduction for etching durations under 5 seconds, as
the nature of the etching process changes in this regime. It
can be seen that the cleaning range is limited to the first few
seconds after the activation of the etching process, as half of
the thickness of AZ31 sheets is removed after approximately
9 minutes of etching. An etching duration of 10 seconds
was found to be the limiting duration for stent cleaning
to maintain a thickness reduction no larger than 10%. This
etching duration is predicted by the fitted regression model
to affect a reduction of 18.8 ± 7.4𝜇m (95% confidence interval
for the mean). However, it must be noted that the etching
of tubular material in this dimension range is expected to
differ from the etching of a sheet due to capillary effects inside
the tube and different microstructures generated during the
manufacturing processes (i.e., cold rolling for flat sheets and



6 Advances in Materials Science and Engineering

O2Ar

200𝜇m 200𝜇m

30𝜇m 30𝜇m

Figure 5: SEM images of the laser microcut stents produced using Ar and O
2
.

200𝜇m

200𝜇m

200𝜇m

Measured
Δr (𝜇m) = 15.24 + 0.3574 t (s) (R2

adj = 98%)

250

200

150

100

50

0

Δ
r

(𝜇
m

)

t (s)
0 100 200 300 400 500 600 700

Ar at 10 s

O2 at 40 s

O2 at 400 s

Figure 6:Thickness reduction of AZ31 sheets as a function of etching time, along with the etched stents from different process gas and etching
conditions.

extrusion for the tubes). But the main purpose of this study
is to reveal the material response to the etchant and to
determine the processing range for cleaning laser microcut
stent.

The stents cut with different process gas conditions, after
their chemical etching, are shown in Figure 7. Although spat-
ter on the surface was removed in both cases, the complete
separation of the scrap from the stent was not possible in the
case of reactive O

2
cutting, even after a prolonged etching

duration of 40 seconds. This inability is due to the irregular

kerf, along which loss-of-cut points can be observed. The
uncut section in the deeper regions is hypothesised to be the
result of interruptions caused byMgO formation, as observed
also in the narrower kerf width after laser microcutting with
O
2
process gas. Although chemical etching can preferentially

remove the dross and oxidised zones, it does not provide
complete separation at points where the process energy could
not penetrate to induce cutting conditions. Further chemical
etching removes the uncut sections at the same rate at which
the whole stent body is reduced in thickness. Figure 8 shows
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Figure 7: SEM images of the laser microcut stents using Ar and O
2
, after chemical etching.

100𝜇m

Figure 8: Cross-section of a linear incision produced using Ar as
the assist gas, after chemical etching.

a cross-section of an incision made using Ar as the assist
gas following its chemical etching. The cut kerf is completely
clean and shows a conical form, with a kerf width of 54.8 ±
2.6 𝜇m on top and 28.9 ± 3.8 𝜇m on the bottom side. A cross-
section of the incisions made with O

2
as the assist gas could

not be obtained due to the closed kerf.
The losses of cut are observed when O

2
is used as

the assist gas can be better understood by comparing the
physical properties of the Mg alloy to those of the traditional
stent material, stainless steel, which is commonly cut with
O
2
[8, 9, 13]. Table 3 reports the physical properties of

AZ31 and AISI 316L stainless steel, along with those of
their main oxide components, which are MgO and FeO,
respectively. In comparison to stainless steel, AZ31 has twice
the oxidation enthalpy, 10 times the thermal diffusivity, and a
viscosity almost 5 times lower. Although physical properties
of AZ31 would appear to facilitate the generation of a higher

processing energywith amoremobilemolten phase, its oxide,
MgO behaves as a refractory layer, preventing the processing
energy from penetrating into the material. After the genera-
tion of an MgO layer inside the kerf, the primary role of O

2

is its mechanical action, pushing the generated melt out of
the kerf. At this point, due to the higher melting temperature
and relatively lower viscosity and thermal conductivity of
MgO, the process comes to a halt locally. In the case of
stainless steel, the generation of FeO does not induce such
a refractory layer. Due to its low melting temperature, FeO
remains in liquid form within the cut front. Furthermore,
at the cutting temperatures induced (>2000K), the Fe/FeO
mixture exhibits lower viscosity than does the molten Fe
(<5mPa⋅s) [27]. For these reasons, complete separation of the
stents cut with O

2
was only possible after longer etching: up

to 400 seconds of immersion in the etchant, with excessive
thickness reductions up to 160 𝜇m (see Figure 6).

Complete separation is achievable under the inert gas
cutting conditions after the previously determined 10 second
chemical etching period. Using Ar as an assist gas provides
shielding from excessive oxidation and also pushes the melt
out of the kerf; thus, the loss of cut resulting from MgO
generation is avoided. In fact, the advantages of the low
melting temperature of AZ31 and the lower viscosity of Mg
are exploited at these conditions, allowing a comparably low
processing energy in the absence of an enthalpy of oxidation.
The thickness reduction for the etched stent cut with Ar after
10 seconds of etching was measured to be 25𝜇m, which is
slightly higher than the set limiting condition of 20𝜇m but
within the confidence interval predicted by the regression
model. In this case, the stent is free of the adhered dross on
the surface, the wall quality is improved, and the edges are
rounded. However, the walls require further electrochemical
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Table 3: Physical properties of the biodegradable stent material AZ31, the traditional stent material AISI 316L, and the oxides of their main
alloying components, MgO and FeO [27–30].

AZ31 AISI 316L MgO FeO
Density 𝜌 (kg/m3) 1770 8000 3580 5700
Heat capacity 𝑐

𝑝
(J/kgK) 1020 500 920 803

Melting temperature 𝑇
𝑚
(K) 905 1723 3098 1643

Boiling temperature 𝑇
𝑏
(K) 1363 3273 3533 N/A

Thermal conductivity 𝐾 (W/mK) 96 21.5 50 10
Thermal diffusivity 𝛼 (m2/s) 5.32 ⋅ 10

−5
0.54 ⋅ 10

−5
1.52 ⋅ 10

−5
0.22 ⋅ 10

−5

Oxidation enthalpy Δ𝐻 (kJ/mol) −602 (Mg) −260 (Fe) N/A N/A
Viscosity at 𝑇

𝑚
𝜂 (mPa s) 1.25 (Mg) 6 1.41 40

Table 4: Chemical composition of the semi-finished hollow tubes in comparison with the stents laser microcut using Ar, before and after
chemical etching.

wt % Semi-finished hollow tube After laser microcutting with Ar After chemical etching
External surface External surface Wall External surface Wall

Al 3.88 1.9 ± 0.4 1.3 ± 0.6 4.2 ± 0.8 2.1 ± 0.3

Zn 0.98 0 0 1.4 ± 0.2 0.3 ± 0.4

Mg 95.14 98.1 ± 0.4 98.7 ± 0.6 94.4 ± 0.6 97.6 ± 0.1

polishing to achieve the quality required for an implant-grade
stent. This guideline has not been strictly considered in this
study.

At this point, it can be concluded that the use of O
2
for the

microcutting of biodegradable stents produced from AZ31
is inadequate. Thus, the final stent manufacturing process
involves the use of Ar as the process gas, followed by 10
seconds of chemical etching with the ethanol HNO

3
solution.

3.3. Characterisation of the Final Stent. In Table 4, the chem-
ical composition measurements for the final stent, produced
by laser microcutting with Ar as the assist gas, are reported.
Notably, most of the Al and all of the Zn are lost after laser
microcutting. The complete loss of Zn within the alloy is a
result of its low melting and boiling points (𝑇

𝑚
= 693K,

𝑇
𝑏
= 1179K), which result in its instantaneous vaporisation

during cutting. Aluminium is less prone to such vaporisation
loss due to its higher boiling temperature (𝑇

𝑚
= 933.4K,

𝑇
𝑏
= 2767K). The material seems to retain its chemical

composition after chemical etching, as the observed values
are close to the nominal composition. In the stent wall,
the chemical composition differs slightly from the nominal
composition due to increased thermal effects in the vicinity of
the cut kerf. As a result of the thermal laser process, alloying
elements are partially lost in a superficial layer, and following
the removal of this layer via chemical etching, the initial alloy
composition is retained.

Figure 9 presents SEM images, taken in imaging mode
with back scattered electrons, of the stent after lasermicrocut-
ting and after chemical etching. The darker areas in Figure 9
result fromoxidised zones near the cut kerf. It is apparent that
despite the fact the cutting was performed with Ar, an inert
gas, surface oxidation is still present due to the high reactivity
of Mg. On the other hand, after chemical etching, such zones
are mostly removed.

Figure 10 reports the surface quality of the stent after laser
microcutting under inert gas conditions and after chemical
etching. The SEM images suggest a visible improvement in
the surface roughness of the stent after chemical etching.
As the spatter around the stent wall is removed, the edges
are also rounded due to the polishing effect of the chemical
etching. The stent roughness was 𝑅

𝑎
= 1.42 𝜇m after the

laser microcutting and 𝑅
𝑎
= 1.26 𝜇m after the chemical

etching. It is difficult to compare these roughness values with
those presented in the literature because each case of material
and laser source couple constitutes a completely different
machining condition. However, if a comparison should be
made with data available in the literature for similar cases, the
measured roughness was lower than that observed for fibre
laser cutting of AZ31 with a continuous wave system (𝑅

𝑎
=

2–10 𝜇m) [22]; slightly higher than that observed for fibre
laser cutting of stainless steel with an ms-pulse system (𝑅

𝑎
=

0.35–1 𝜇m) [8]; similar to that observed for cutting nitinol
(𝑅
𝑎
= 1.34 𝜇m) and higher than that observed for cutting of

a platinum alloy with a ps-pulse system (𝑅
𝑎
= 0.49 𝜇m) [16];

and in a similar range to that observed for cutting nitinol with
fs-pulse system (𝑅

𝑎
= 0.26–2.4𝜇m) [17].

4. Conclusions

The present study demonstrates laser microcutting of AZ31
tubes with an ns-pulse fibre laser followed by chemical
etching for biodegradable stent fabrication. The primary
results obtained by this study can be summarised as follows.

(i) Laser microcutting with fibre lasers operating in the
ns-regime is a feasible solution for the manufacturing
ofMg alloy biodegradable stents.The advantages pro-
vided by fibre laser technology should allow further
industrialisation and simplify the production of next
generation stents.
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Figure 9: SEM images of stents cut with Ar, taken in back scattered electron mode.
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Figure 10: SEM images and roughness profiles of the stent after laser microcutting and chemical etching.

(ii) Laser microcutting of AZ31 Mg alloy requires inert
gas conditions, rather than reactive cutting with O

2
,

which is the process gas used for microcutting with
the traditional stent material, stainless steel. The use
of O
2
results in MgO generation in the cut kerf.

MgO, due to its high melting temperature, acts as a
refractory layer, which precludes the cutting process
from penetrating in the lateral and radial directions.

(iii) Chemical etching preferentially attacks the heat-
affected and oxidised zones of laser microcut AZ31
alloy. However, thickness reduction is inevitable dur-
ing the etching process.The limiting etching duration,
under which thickness reduction was no more than
10% of the 200 𝜇m thickness of the stent, was found
to be 10 seconds.

(iv) Chemical etching as a finishing operation is required
with laser microcutting. The applied HNO

3
ethanol

solution cleaned the deposited spatter on the stent
surface and cleaned the kerf in the case of stents cut
with Ar. In the case of stents cut with O

2
, the etchant

was effective in cleaning the dross; however, kerf
separation could not be completed without excessive
etching durations that reduced the stent thickness to
20% of the initial thickness. After the initial removal
of dross and the oxidised zone, preferential etching on
the damaged zones no longer occurred and etching
continued on the uncut sections of the base material
as well as the stent body.

(v) The final processing path for stent manufacturing
involved the use of Ar as the process gas for laser
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microcutting and 10 seconds of chemical etching.
Scrap parts were easily removed by chemical etching
for this period of time. This etching time is shorter
than a typical cleaning procedure in an isotonic bath,
making this process a viable option for reducing
postprocessing lead times.

(vi) The thermal laser process causes the loss of alloying
compounds from the AZ31 alloy. It was possible to
maintain the chemical composition of the produced
stents by removing the oxidised zones with chemical
etching.

(vii) The results reported here describe prototype level
stents. To produce stents that are ready for implan-
tation, electrochemical etching would be required
to improve the surface quality, and surface coatings
would be applied to control the biodegradation rate.

The diffusion of biodegradable and biocompatible stents
in Mg alloys depends on a number of aspects that can render
them competitive against themost widely used stentmaterial,
stainless steel. The control of material properties, corro-
sion rate, and manufacturability are the key issues, which
require substantial accumulation of knowledge. Although
laser microcutting of stents appears to be a widely explored
field, in the case ofMg alloys, it still requires further attention.
The future studies should be aimed to reveal advantages of
different laser sources, not only in terms of pulse duration
regime, but also in terms of different wavelengths. Although
a universal laser source to fulfil all the different aspects
seems still far from reality, potential solutions giving a good
compromise can be identified. In this context, the ns-pulsed
fibre laser sources demonstrate high flexibility, robustness,
and productivity. However, the quality requirements are still
challenged by the ultra-fast laser sources. Another important
aspect that was not addressed in this study is the pulse shape,
which is a highly influential factor on the machining quality.
This factor can be the key to improve laser microcutting
quality in ns-pulse regime. As a final remark, it should be
noted that the use of laser beam permits more than cutting
of the tubular precursor. The use of the same laser source to
machine surfaces for drug insertion or biopolymer coating
application, and to modify surface properties for slowing
biodegradation rate, is included in the future studies.
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The evaluation of the degree of bacteria E. coli adhesion to modified surfaces of the chosen prosthodontic alloys was presented.The
study was carried out on Co-Cr (Wironit), Ni-Cr (Fantocer), and Fe-Cr-Ni (Magnum AN) alloys. Bare substrate as a control and
titanium dioxide coated samples were used. The samples were placed for 24 hours in bacterial culture medium. After incubation
period, a number of bacterial cells were evaluated by scanning electronmicroscope.The study revealed thatmodification of the alloy
surfaces by titanium dioxide coating significantly decreases the amount of bacteria adhering to the surfaces and that additionally
bare metal alloy substrates have a different degree of susceptibility to bacterial adhesion.

1. Introduction

In native physiological conditions of the healthy organ-
ism, the oral cavity contains opportunistic microorganisms,
amongwhich themost numerous are bacteria; however, fungi
and protozoa can be also found. Moreover, the presence of
viruses has been frequently confirmed in this environment.
Bacteria colonize all natural structures (soft and hard tissue)
of the oral cavity, that is, mucosa, gingivae, and teeth
enamel. In the oral cavity, bacteria adhere easily to the hard
structures, especially teeth, as well as prosthodontic appli-
ances. Microorganisms which adhere to the natural and
artificial surfaces and form colonies surrounded by polymeric
extracellular matrix are called the biofilm or plaque. Biofilm
can be formed on the teeth (as dental plaque), gingiva
(as gingival plaque), and dentures (as denture plaque). The
plaque composition and degree of colonization depend on its
location in the patient’s oral cavity, saliva composition, diet,
natural cleansing mechanisms, and hygienic procedures.

Presence of the microorganisms in the oral cavity may
lead to corrosive destruction (MIC—microbiologically influ-
enced corrosion) [1] of metal prosthodontic restorative mate-
rials [2, 3]. Even titanium and its alloys, considered to be

corrosion resistant, can be colonised by bacteria, which may
initiate corrosion [2, 4]. The adhesion of microorganisms to
natural and artificial surfaces and formation of the biofilm
could be also responsible for the serious diseases [5].

Metabolic activity of microorganisms is associated with
an initiation and/or an increase in electrochemical and chem-
ical processes that lead to corrosive destruction of materials
and their alloys. Metabolic activity may also cause modifi-
cation of the surrounding environment resulting in physic-
ochemical changes [6–8]. Due to this, when choosing alloys
used in dentistry, it is necessary to evaluate their interactions
with biological objects (bacteria, proteins) in the oral cavity
environment.

Therefore, taking into consideration pathogenic features
of the bacterial plaque and its influence on the homeostasis
of the oral cavity, the degree of bacterial accumulation on
metal alloys used in prosthodontics should be examined.
This is of high significance for persons having tooth losses,
particularly patients additionally suffering from periodontal
and oral mucosa diseases.

In case of the lowered organism immunity, when the host
does not have enough antibodies, bacterial flora finds ideal
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Table 1: Chemical composition of alloys used for examinations.

Alloy Number of elements [%] wt.
Cr Mo Fe Mn Ni Si Co

Fantocer 24.79 8.89 1.33 0.12 63.13 1.57 0.17
Magnum AN 23.38 2.94 43.42 1.24 25.70 2.99 0.12
Wironit 30.52 4.73 0.11 1.56 0.06 0.82 62.21

conditions for excessive growth. This is of great importance
for patients using dentures. For patients with partial tooth
loss, some of the remaining parts of teeth are used as
abutments for prosthodontic reconstruction and have to
withstand a higher load induced by forces associated with
chewing. The teeth are subjected to stresses and lateral
movements, sometimes leading to overloading. The attach-
ment apparatus, that is, the alveolar bone, the tooth, and
periodontal ligaments supporting the tooth in the alveolus,
has to withstand all these forces. This may be manifested by
lengthening of the periodontal ligament, which results in the
periodontal space widening. Bacteria accumulating around
the abutment can contribute to the development of inflam-
mation and additionally to the periodontal space widening,
bone structure rarefaction, and finally to weakening of the
attachment apparatus maintaining the tooth in the alveolus.

Metal alloys, with cobalt, nickel, chromium, and iron as
basic components, are frequently used in prosthodontics.
Although they possess a relatively low corrosive resistance as
compared to noble metal alloys [9], they are widely applied
due to economic reasons. To improve their corrosion resis-
tance, different types of coatings (nitrides, carbides, oxides,
carbonitrides, and others) are deposited on their surfaces
[10–14]. Many scientific papers indicate that these coatings
can decrease the bacterial adhesion to the alloy surface [15,
16]. The thickness and conditions of TiO

2
coating annealing

can cause diffusion of alloy elements from the substrate
to coatings, which can influence coating properties, that
is, chemical and phase composition [17]. Thus, it seems
reasonable to investigate how TiO

2
coatings affect the bac-

terial adhesion to the surfaces of biomaterials (e.g., different
chemical compositions) commonly used in prosthodontic
appliances.

2. Aim of the Study

The aim of this study was to determine the degree of bacterial
adhesion to the modified surfaces of the chosen prosthodon-
tic alloys coated with titanium dioxide by the sol-gel method.

3. Materials and Methods

Cylindrical samples of selected alloys (Table 1) with a diame-
ter of 8mm and 5mm height were used as a substrate in this
study.

Ten samples were made from each alloy. They were divi-
ded into two groups. The samples of the first group were
left uncoated (control samples), whereas those in the second
group were coated with titanium dioxide.

TiO
2
coatings were elaborated with the sol-gel method.

Titania sol was prepared from titanium (IV) butoxide by
mixing it with absolute ethanol, acetic acid, and distilled
water in a proper ratio. The samples were coated with the
sol using the dip-coating method. The substrate was dipped
and emerged from the sol with the speed of 30mm/min.
The dip-coated film was dried at room temperature for at
least 15min. Next, the sample was annealed at 500∘C for
15min. The process of the film deposition was repeated
three times. The thickness of obtained coatings was about
300 nm.

The surface morphology and chemical composition of
the prepared samples were examined by a scanning elec-
tron microscopy (SEM) using Hitachi S3000N microscope
equipped with a Noran X-ray energy dispersive spectroscopy
detector (EDS). The crystalline phase composition of TiO

2

coatings was analysed with the scan step SIEMENS D-
500 X-ray diffractometer (XRD) using Co K𝛼 characteristic
radiation and a graphite monochromator. An identification
of phase composition was carried out with the use of the
X-RAYAN computer software, supported with the ICDD
database. For better clarity, XRD pattern of metallic substrate
was subtracted from XRD pattern of TiO

2
coating.

E. coli bacterial cells (DH5𝛼 strain) were used as the
biological material because E. coli is the most common
microorganism used as a model organism. The investigation
of bacterial surface colonization was carried out under flow
condition of culture medium. The samples were ultrason-
ically cleaned. After that process, the samples were placed
in a biological flow reactor chamber. An annular holder
with holes was used to fix the samples. The rotational flow
was forced by electromagnetic stirrer. The whole system
with samples was steam autoclaved (Prestige Medical 2100
autoclave). Investigations were carried out at one level of
rotational frequency of 150 rpm (150 rpm warranted laminar
flow condition). At the next stage, the reactor was refilled
with 200mL of sterile culture medium. The Luria-Bertani
(LB) medium was composed of Pepton G 0.5%, yeast extract
0.5%, and NaCl 1.0%. The samples were incubated for 24 h
in a medium containing a standard number (340 × 106 per
1mL) of E. coli (DH5𝛼 strain) at 37∘C under flow condi-
tion. After incubation, they were extensively washed with
deionised water. This procedure allowed removing bacteria,
which were not strongly adhering to the surface [18]. The
samples, after the incubation period, were fixed for 1 h at
4∘C with 2.5% glutaraldehyde in water. The fixed samples
were then dehydrated with gradient series of ethanol, air-
dried, and finally coated with a 20–30 nm-thick gold film in a
sputtering apparatus (JEE-4X Jeol). Observations were made
to count bacteria adhering to the sample surfaces. Scanning
electron microscope was used to examine the specimens at
magnification of 1000x and voltage of 5 kV.Thirty observation
places were selected from each group of the studied samples,
and the number of bacteria was evaluated for them. All
procedures were repeated five times.The average cell number
and standard deviation observed on the surfaces were used
for the evaluation of colonization degree. The statistical
parametric analysis based on small samples was applied to
assess statistical significance of the results.
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Figure 1: SEM image of TiO
2
coating on Magnum AN alloy.
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Figure 2: EDS analysis of TiO
2
coating on Magnum AN alloy.

4. Results and Discussion

The morphology of sol-gel TiO
2
coating on the dental alloy

(Magnum AN) is shown in Figure 1. It can be observed
that the coating well reproduced the microstructure of the
metallic substrate surface. All investigated coatings were
homogeneous with no visible signs of delamination, cracks,
or flaking.

The spectrum of EDS elemental analysis of the previ-
ously-mentioned coating is shown in Figure 2. It contains
elements originated from the substrate as well as titanium
and oxygen originated from the coating, with the atomic ratio
O/Ti = 2.

TiO
2
can exist as amorphous formor in several crystalline

structures such as rutile, anatase, and brookite. The X-ray
diffraction patterns of the TiO

2
sol-gel coating is shown in

Figure 3. It was found that according to ICDD card 04-0477,
TiO
2
revealed crystalline structure of anatase.

The example images obtained in the scanning electron
microscope are shown in Figures 4(a) and 4(f). Figure 5
shows the chart presenting calculations of the number of
bacteria adhered to the investigated surfaces. The data pre-
sented in Figure 5 demonstrate that the greatest amount of
bacteria adhered to the unmodified alloy surfaces, amongst
which Wironit alloy showed the higher amount of bacteria,
while the lowest one was estimated in case of Fantocer. The
additional relationship between nickel concentration in the
alloy and the number of bacterial cells adhered to the surfaces
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Figure 3: XRD pattern of TiO
2
coating.

was observed. Studied alloys evidently differed in the nickel
content (Table 1).Thenegative correlationwas found between
the number of bacteria and nickel concentration (Figure 6).
However, the similar amount of bacteria was detected on the
surfaces of alloys coated with TiO

2
. Analogous results were

found by Ciston et al. for zirconia ultrafiltration membranes
coatedwithTiO

2
where the reduction in bacterial adhesion to

the surface varied between 12 and 47% as compared to control
samples [19].

Based on the ANOVA test and calculations of the number
of bacteria adhering to particular samples, statistically sig-
nificant differences (𝑃 < 0.0001) between the groups were
observed. The Bonferroni statistical test was used for eval-
uation of the statistical significance between all pairs of
groups (𝑃 < 0.05). However, there were no significant diffe-
rences found in the number of bacteria that adhered to
the surfaces of different alloys with deposited TiO

2
coatings

(Table 2). Moreover, the number of adhered bacteria to the
alloy surfaces with different Ni content was also statistically
significant.

Titanium dioxide coatings have been found to reduce
the number of bacteria adhered to their surfaces of about
37%–70% (compared to the bare substrates). Comparing the
obtained results for TiO

2
coatings with those of alloy surfaces

coated with titanium nitrides and carbonitrides [16], it can
be stated that titanium dioxide coatings are not as efficient
as TiN

𝑥
and TiC

𝑥
N
𝑦
, regarding their resistance to bacterial

surface accumulation. The amount of bacteria adhering to
the surface was considerably lower for these coatings and
equalled 0.7 per 1000 𝜇m2 for TiN, 1.9 per 1000𝜇m2 for
TiCN (containing 4% of carbon wt), and 2.4 per 1000 𝜇m2
for TiCN (containing 15% of carbon wt). However, it is
difficult to univocally state that TiO

2
coatings are worse than

titanium nitrides and carbonitrides regarding the resistance
to the bacterial adhesion. Different conditions of performing
experiments (TiO

2
—the flow culture, TiN, and TiCN—

the stationary culture) might be the reason for such great
differences. The culture in hydrodynamic conditions can
better reflect the environment of the oral cavity.Moreover, the
flow conditions allow better culture oxygenation and more
even distribution of nutrients in the surrounding medium.
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(a) (b)

(c) (d)

(e) (f)
Figure 4: SEM pictures of the examined sample surface; (a) Fantocer; (b) Fantocer with TiO

2
coating; (c) Magnum AN; (d) Magnum AN

with TiO
2
coating; (e) Wironit; (f) Wironit with TiO

2
coating.

Table 2: The Bonferroni test between all pairs of tested groups (𝑃 < 0.05).

Samples Magnum AN Fantocer Wironit Magnum AN
with TiO2 coating

Fantocer with
TiO2 coating

Wironit with
TiO2 coating

Magnum AN − + + + + +
Fantocer − + + + +
Wironit − + + +
Magnum AN with TiO2 coating − − −

Fantocer with TiO2 coating − −

Wironit with TiO2 coating −

Symbol “+” denotes results with statistical significance between couples of samples.
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surfaces.
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content in the alloy.

Better environmental conditions can induce intensification of
bacterial adhesion.

TiO
2
coatings applied in different conditions may more

effectively reduce microorganism adhesion due to their pho-
tocatalytic properties which cause the coatings to become
bactericidal after ultraviolet radiation [19, 20]. The photo-
catalysis phenomenon might be applied in sterilization of
medical instruments as well as during water and air purifi-
cation [12–23]. However, this phenomenon is not significant
in case of prosthodontic materials because of the way of
their usage. These materials are kept in the oral cavity for
a relatively long time, and free radicals formed due to the
layer irradiation may lead to the impairment of cellular
membranes, RNA and DNA [24].

Despite the fact that nickel reduces the number of bacteria
accumulating on the alloy surfaces, it may induce allergic
reactions of patients sensitive to nickel. Therefore, the depo-
sition of protective coatings on alloy surfaces has a beneficial
effect on the reduction of nickel ion release to the oral cavity
tissues and the number of adhering bacteria.

5. Conclusions

(1) Modification of prosthodontic alloy surfaces by TiO
2

sol-gel coating limits the biofilm formation compared
to bare substrate.

(2) Negative correlation betweenNi content and bacterial
colonization has been confirmed for selected alloys.
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An overview is reported about the history of prevailingmagnesiumalloys as orthopedic biodegradablematerials. Important features
of the effect of alloying additions, along with surface treatments for corrosion protection of magnesium alloys, are described.
Hydroxyapatite (HA), the promising coat deposited by different direct and electrochemical methods to tailor corrosion resistance
and biocompatibility, is discussed. Surface modifications, such as microarc oxidation or anodization which lead to nanostructures
fabricated to provide better adhesion for HA coatings, are presented.

1. Introduction

Metallic materials continue to play an essential role as
biomaterials to assist with the repair or replacement of bone
tissue that has become diseased or damaged [1]. Metals are
more suitable for load-bearing applications compared with
ceramics or polymeric materials due to their combination of
high mechanical strength and fracture toughness. Currently
approved and commonly used metallic biomaterials include
stainless steels, titanium, and cobalt-chromium-based alloys.
A limitation of these current metallic biomaterials is the
possible release of toxicmetallic ions and/or particles through
corrosion or wear processes [2–6] that lead to inflammatory
cascades which reduce biocompatibility and cause tissue loss
[2, 4–13]. Moreover, the elastic moduli of these alloys are not
well matched with that of natural bone tissue, resulting in
stress shielding effects that can lead to reduced stimulation of
new bone growth and remodeling which decreases implant
stability [14]. Current metallic biomaterials are essentially
neutral in vivo, remaining as permanent fixtures, which in
the case of plates, screws, and pins used to secure serious
fractures must be removed by a second surgical procedure
after the tissue has healed sufficiently [15]. Repeat surgery
increases costs to the health care system and further morbid-
ity to the patient.

2. Magnesium Alloys as a Biodegradable
Implant Material

Fortunately, magnesium, Mg, and its alloys which are chem-
ically active can degrade naturally in the physiological
environment by corrosion and are potential candidates in
biodegradable hard-tissue implants. Mg2+ is the fourth most
abundant cation in the human body and is largely stored
mainly in bone tissues. It is vital to metabolism processes,
a cofactor in many enzymes, and a key component of the
ribosomal machinery that translates the genetic information
encoded by mRNA into polypeptide structures [16–19]. Early
clinical investigations and recent in vivo and in vitro studies
suggest that Mg-based implants have good biocompatibility
[20–22]. It has also been reported thatMg-based implants can
stimulate the development of a hard callous at fracture sites
[20, 23]. The unique mechanical properties of Mg alloys also
render themdesirable hard-tissue implants.Mg alloys possess
a density of ≈1.7–2.0 g cm−3 that is close to that of natural
bones (1.8–2.1 g cm−3), and the compressive strength and
tensile strength are much higher than those of biodegradable
polymers. Compared with Ti alloys (110–117GPa), stainless
steels (189–205GPa), and Co-Cr alloys (230GPa), the elastic
modulus of Mg alloys (41–45GPa) is closer to that of natural
bones. Hence, the stress shielding effect can bemitigated [16].
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However, the major drawback ofMg alloys is their low corro-
sion resistance in the body. In this respect, Mg is undesirable
because it is very active chemically, with a standard potential
≈−1.7 V (standard hydrogen potential). The native MgO
and/orMg(OH)

2
surface layers are loose in nature and cannot

provide sufficient protection to resist corrosion encountered
in the physiological environment which contains a large
amount of chloride ions (∼104mmol/L) [24]. Chloride ions
can convert the surface Mg(OH)

2
into more soluble MgCl

2
,

and dissolution of Mg(OH)
2
makes the surface more active,

decreasing the protected area and promoting further dissolu-
tion of Mg. The reactions are summarized as follows [16, 24]:

Mg + 2Cl− 󳨀→ MgCl
2

(1)

Mg(OH)
2
+ 2Cl− 󳨀→ MgCl

2
(2)

In addition, the high concentration of buffering agents
in the body plasma is responsible for the high dissolution
rate of Mg. When Mg is exposed to an aqueous solution, the
following reaction takes place [24]:

Mg + 2H
2
O 󳨀→ Mg2+ + 2OH− +H

2
(3)

The buffering agents consume the generatedOH− quickly
in turn, expediting the conversion from Mg to Mg2+. It has
been demonstrated that inorganic components as well as pro-
teins and amino acids influence the degradation rate. As a
result, Mg-based biomedical implants can lose the necessary
mechanical integrity before the tissue has sufficient time to
heal completely. Hard-tissue repair typically requires implan-
tation of the fixture for at least 12 weeks [16].

3. Corrosion Protection of Mg Alloys

Improvement of corrosion resistance of Mg alloys could be
achieved via alloying [22, 25], use of composites [26], or
surface treatment.

3.1. Effect of Alloying Elements. An appropriate alloying com-
position can improve the corrosion resistance, mechanical
properties, and the ease of manufacture of Mg-based materi-
als. Two primary groups ofMg-based alloys are those contain
2–10wt% aluminum (Al) with trace additions of zinc (Zn)
andmanganese (Mn), demonstratemoderate corrosion resis-
tance and improved mechanical properties [27]. The second
group uses a mixture of rare earth (RE) elements in combina-
tion with another metal such as zinc, yttrium, or sliver and
a small amount of zirconium which imparts a fine grain
structure and enhanced mechanical properties [27]. As these
materials are used in the body, care must be taken to choose
alloying elements that are nontoxic. However, it is well known
that Al is harmful to neurons [28] and osteoblasts [29] and is
also associated with dementia and Alzheimer’s disease [28].
The administration of RE (Pr, Ce, Y, etc.) could lead to hepato-
toxicity [30]. Excessive Yttrium ions (Y+3) have been shown
to change the expression of some rat genes and to have
adverse effects onDNA transcription factors [31].This has led
to a demand for the development of a novel biodegradableMg

alloys in which Ca, Zn, Mn, and Si could be an appropriate
alloying elements, such as:

Mg-𝑥Ca (𝑥 = 1, 2, 3, 4, 5 ⋅ ⋅ ⋅ ) [32–34],
Mg-1Zn-1Ca [35],
Mg-2Zn-1.2Mn-1Ca [36],
Mg-Si (-Ca, Zn) [37],
Mg-𝑥Zn (𝑥 = 1, 3, 6, 10) [32, 38–40],
Mg-1Mn-1Zn [41],
Mg-1Mn [32].

Ca or Zn is one of the most abundant nutritionally essen-
tial elements in the human body [34, 37, 42–45] and has basic
safety for biomedical applications. Mn is an essential trace
element (<0.8mg/L in blood serum), but high concentration
may induce neurotoxicity [46]. Zn and/or Mn helps to over-
come the harmful corrosion effect of iron (Fe) and nickel (Ni)
impurities that might be present in Mg alloys. Ca reduces
oxidation in themolten condition and during heat treatment.
It also improves the rollability [47]. Mg-1Zn produced less
hydrogen than many other binary Mg alloys in simulated
body fluid (SBF) [48]. Ca and Zn act as grain refining agents
which improve both corrosion resistance and mechanical
properties [49, 50]. With increasing Ca content, more and
coarserMg

2
Ca phase precipitates are along grain boundaries,

weakening both themechanical property and corrosion resis-
tance of as-cast Mg-Ca alloy [51]. An as-extruded Mg-4Zn-
0.2Ca ternary alloy [52] exhibited excellent mechanical inte-
grity during in vitro degradation. After 30 days immersion in
simulated body fluid (SBF) solutions, the values of the yield
strength, the ultimate tensile strength, the elongation, and the
elastic modulus of the alloy were degraded to values which
still enough for bone fixing [52]. Ca ion concentration up to
50mg/L, Zn ion concentration up to 60mg/L, and Mg ion
concentration up to 1000mg/L did not cause cell toxicity [37].

Strontium (Sr), along with Ca and Mg, shares similar
chemical, biological, and metallurgical properties. There is
about 140mg Sr in the human body, and 99% of the body
content of Sr is located in the bones. Proper addition of
Sr can refine the grain size of Mg alloys and enhance the
corrosion resistance. Gu et al. [53] prepared hot rolled Mg-Sr
binary alloys with a Sr content ranging from 1 to 4wt% and
found that Mg-2Sr alloy exhibited the highest strength and
the lowest corrosion rate. The in vivo results showed that the
degrading as-rolledMg-2Sr alloy promoted bonemineraliza-
tion and peri-implant new bone formation without inducing
any significant adverse effects [54]. Ternary alloys, Mg-Zn-Sr
[54], and Mg-Ca-Sr [55] were also developed, both of which
suggest that the presence of higher amount of secondary
intermetallic phases leads to poorer corrosion resistance.

Silicon (Si) has been regarded recently as an essential
mineral in the human body [56]. It plays an important role in
aiding the healing process and helping to build the immune
system [57]. Moreover, it may be important for the growth
and development of bone and connective tissue [58]. There-
fore, it is also possible for Mg-Si alloy to be a biodegradable
bone implant material. Refinement of microstructure by Ca
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is an effective way to improve mechanical and corrosion
properties [49, 50]. It is worthy to note that heat treatment of
these Mg alloys can improve both mechanical and corrosion
properties [59, 60].

3.2. Surface Treatments ofMgAlloys. Surface treatment ofMg
alloys is of particular interest for degradable implants because
the corrosion rate is intended to be low in the initial phase due
to the modified surface layer and then returns to the normal
value when the layer corrodes away. Such a degradation
pattern is desirable since the loss of strength of the implant
would mirror the increase in strength of the healing union
by providing sufficient support in the initial phase [61]. A
large body of methods in the surface treatment of Mg alloys
for improving corrosion resistance has been reported in the
literature [62]. However, these methods are intended for
industrial applications and might contain materials that are
toxic. For implant applications, several approaches have also
been reported to optimize and tailor the corrosion behavior
as well as the biocompatibility.

3.2.1. Hydroxyapatite (HA) Coatings. For orthopedic appli-
cations, hydroxyapatite (HA) [25, 26, 43, 63–70] or other
types of calcium phosphate (Ca-P) coatings are generally of
high interest. Generally, the corrosion rate of Mg alloys is
significantly decreased by different types of Ca-P coatings.
As the detailed nature of the coatings studied varies over a
wide range, of course also themeasured degradation rates are
different. From the preparation point of view, themost simple
are Ca-P coatings that spontaneously form on Mg and Mg
alloys upon exposure to simulated biofluids [71–74]. In addi-
tion to influencing the corrosion rate ofMg, Ca-P coating has
been shown to be beneficial for biocompatibility [75, 76].The
layer that forms spontaneously on Mg alloys in SBF solution
is not hydroxyapatite but instead an amorphous mixed (Mg,
Ca)-phosphate (which can be carbonated and hydrated).

HA [(Ca
10
(PO
4
)
6
(OH)
2
)] is currently used as a biomedi-

cal material due to its excellent biocompatibility and bioac-
tivity, attributed to its chemical and structural similarities
to bone and tooth minerals [77]. On account of its low
strength and high brittleness, an important use of HA is as a
bioactive coating on metallic substrates. Many methods have
already been developed to prepare HA coatings on metal-
lic substrates, such as sol-gel process [78], electrophoretic
deposition [79], sputtering process [80], laser surfacemelting
[81], pulse laser deposition [82], physical vapor deposition
(PVD) [83], plasma spraying [84], and biomimetic methods
[85]. However, these cannot be used to deposit HA coating
on Mg alloys because of its low melting point and poor
heat resistance. It is well established that HA deposited from
aqueous solution has a composition and structure more close
to that of human bones and teeth [66, 68, 86].Thus, chemical
or electrochemical method [63, 73–77, 87, 88] is the proper
way to prepare HA coating on Mg substrates.

Certainly, a single-step coating process using nontoxic
aqueous solution without applying electrical current is the
most preferable from the view point of product cost and envi-
ronmental load. However, this direct synthesis of HA [66–68]
onMg alloys was, and still now, a scientific challenge because

Mg ions prevent HA crystallization with the substitution of
Mg atom for the Ca atom in the HA structure. Subsequently,
the HA structure is destabilized by a decrease in the atomic
ratio of Ca/P; that is, Mg ions inhibit apatite nucleation and
growth. However, calcium-phosphate apatites were detected
on alkali and heat treated Mg after they had been soaked
in SBF for 14 days [68]. Direct HA coating was successfully
carried out on Mg alloys in aqueous solution by Hiromoto
and Yamamoto [74], but the coating time is up to 24 h.
An electroless method to prepare a stable HA-containing
conversion coating on Mg was also reported [89]. The utility
of an equilibrium diagram generated by the use of advanced
software allowed for the conversion coating solution concen-
tration and pH to be selected to optimize coating preparation,
which was specifically Ca-deficient HA-Mg(OH)

2
. To over-

come Mg ions inhibition just mentioned, one approach uses
optimized solution chemistry to produce poorly crystalline
HAonMgalloyAZ31 [90]. Another approach usesCa-chelate
compound [74, 91] and optimized solution chemistry and
temperature to obtain dense and uniform HA coatings, on
pure Mg, that takes less than 2 hours [91].

Electrochemical deposition (ED) of HA on Mg alloys
also has unique advantages due to its capability of forming a
uniform coating on a porous substrate or one with a complex
shape, its controllability with regard to the thickness and
chemical composition of the coating, and its low deposition
temperature [63, 69]. It is thus recognized as one of the most
promising techniques for degradable Mg alloys.

Nevertheless, in a traditional cathodic electrodeposition
process, when a static potential is applied, loose, porous, and
low adhesive coatings can easily develop. The main reasons
are: first, a polarization in concentrations is formed, since the
speed of ion diffusion from the main body of the solution to
the surface of the metallic substrate is too slow, and secondly,
H
2
is produced on the cathode due to the reduction of H

2
O.

To solve this problem, it is suggested that pulsed power (pulse
reverse current, PRC) be used for depositing the adherent
coating [92–95]. The PRC parameters are demonstrated in
[35].

Pure HA coating suffers relatively high dissolution rate
in the biological environment [95], which is unfavorable for
long-term stability of the implant and makes the interface
between bone and implant unstable [96, 97]. Recently, many
researchers have focused on the application of fluorine-
doped hydroxyapatite Ca

10
(PO4)

6
(OH)
2−𝑥

F
𝑥
(FHA) as a

bioactive coating to provide early stability and long-term
performance [98, 99]. In comparison with pure HA coating,
FHA coating could provide significant dissolution-resistant
property, better apatite-like layer deposition, better protein
adsorption, better cell attachment, and improved alkaline
phosphataze activity in cell culture [98, 100]. Since FHA and
Mg alloy are all degradable, Mg alloy with FHA coating has
received more and more interest as biodegradable materials
[66, 100]. Pulse reverse current (PRC) technique was also
used to deposit FHA coating on Mg alloys [35]. Besides,
H
2
O
2
, a strong oxidative reagent, was introduced into the

electrolyte, which was first induced on cathode to only
produceOH− ions during the electrodeposition process [101].
Therefore, H

2
O
2
could reduce the effect of H

2
evolution on
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the nucleation and growth of nano-FHAcoating byPRC tech-
nique.

Microarc oxidation (MAO) [67, 102–106] followed by
electrochemical deposition (ED) of HA is another attempt
to overcome the single HA coating obtained through ED
which has a low bonding [107, 108] strength (about 4–6MPa)
and may lead to peel off after implantation [107]. MAO,
which is an electrolytic process, can fabricate porous ceramic
coating with high adhesion to the substrate. It is outlined
that this porous coating can be used as the intermediate
layer for depositing HA because it can generate pinning
force when HA is deposited in the pores [109] and enhance
the corrosion resistance of the porous layer. At the same
time, recent developments in biomineralization have already
demonstrated that nanosized crystals and particles play an
important role in the formation of hard tissues of animals
[110]. As reported in [111, 112], mechanical properties, such
as compressive strength, hardness, and indentation fracture
toughness, of HA increased with a decrease in grain size,
and the nanosized HA can promote bone cell adhesion
and proliferation in comparison with microsized HA [111,
113]. Therefore fabricating a nanosized HA coating on the
MAO coating may be a promising way to improve the
biocompatibility and corrosion resistance of Mg alloys. The
MAO coating is prepared under a pulse voltage mode, and
the cell potential is increased gradually till 165–175V; then the
working electrode is oxidized for about 30min. [67].The elec-
trolyte is prepared by dissolving 0.1mol/L Na

3
PO
4
⋅12H
2
O,

0.028mol/L CH
14
N
2
Na
2
O
8
⋅H
2
O, 0.01mol/L Na

2
SiO
3
⋅9H
2
O,

and 0.28mol/L KF⋅2H
2
O in distilled water. According to

another publication [104], MAO was conducted at a fixed
applied voltage in the range 360–400V for 10min to obtain
promising results for the surface treatment of Mg-Ca alloys
which exhibit good corrosion resistance and surface biocom-
patibility. The electrolyte was prepared from the solution of
10 g/L sodium silicate with 3.5 g/L sodium hydroxide. Shi et
al. [106] performed MAO in 500mL aqueous solution con-
taining 50 g/L NaOH, 40 g/L Na

2
SiO
3
, 20 g/L Na

2
B
4
O
7
, and

40 g/L Na
3
C
6
H
5
O
7
at a constant potential of 90V for 40min.

Anodization is the third type of techniques to fabricate
nanostructure coatings. It is also an electrolytic oxidation
process in which themetal as anode is converted to oxide film
having desirable corrosion protective, decorative, and func-
tional properties [114–120]. Anodization can increase the film
thickness, hardness, corrosion resistance, and wear resistance
and provide better adhesion for primers than the bare metal.
The anodizing behavior of Mg alloys is strongly influenced
by the voltage or current applied. Different passive and active
states can be found depending on the applied voltage/current,
time, substrate, and electrolyte [121]. Studies have investigated
many aspects of anodizing Mg, such as electrolyte composi-
tion [122–125], anodizing parameters such as constant voltage
or constant current density controlmodes [120, 124, 126], sub-
strate effects including substrate type,Mg purity, and alloying
element concentration [38, 72, 120, 124, 127], and time of
anodization [114]. Different electrolytes have been proposed:
either an aqueous [114–116, 123–125, 128–132] or nonaqueous
[119, 133] solutions. However, when anodization is used in
the bioenvironment, there are certain requirements for the

coating. The coating should be thick, strong, and nontoxic.
That is to say electrolyte should be carefully designed.

Over the past decades, a variety of self-ordering electro-
chemical processes have been found to produce oxide nanos-
tructures from aqueous or nonaqueous fluoride-containing
solutions [134]. Under optimized conditions resulting surface
features are regular tubular (nanotubular) or porous struc-
tures. There are many works reported in the literature on
the formation of ordered porous oxides of metals including
valve metals, such as Al [135, 136], Ta [137], Zr [138, 139],
Nb [140, 141], Ti [142–144], and Hf [145], but only a few
attempts can be found based on Mg and Mg alloys. Since
Mg hardly forms defined oxide films in aqueous solution, it
may be a promising approach to use nonaqueous solutions for
anodization, particularly with the aim of reducing chemical
dissolution during anodization. Brunner et al. [133] showed
the formation of a black, porous oxide layer on Mg from
water freemethanol or ethanol electrolytes containing nitrate
ions. Ono and Asoh [146] studied anodization of pure Mg
in nonaqueous solutions where they showed the formation
of a barrier layer in a solution consisting of a mixture of
amine, ethylene glycol, and water. They also investigated the
formation of anodic oxide films on Mg surfaces in alkaline-
fluoride solutions [125] and for the first time, using alkaline
aluminate solution, they reported formation of cylindrical
cellular structures [124].

In order to optimize the biological performance, the
corrosion behavior of the material as well as its interactions
with cells needs to be tailored. For instance, in the case of
Ti, drastic influence of nanotubular TiO

2
layers on the cell

behavior has been reported as compared with compact TiO
2

layers [147]. Moreover, such nanotubular surface layers were
found to enhance the formation ofHAon the Ti surface [148].
In the case ofMg, electrochemical anodization approaches to
achieve similar surface morphologies as reported for Ti have
been explored, and even though nanoporous [133] as well
as nanotubular [119] surface layer has been reported. These
nanostructures until now show a poor order. Moreover,
possible enhancement of biological functionalities by such
nanostructured surface layer has not yet been explored.

3.2.2. Miscellaneous Coating Approaches. Apart from the
above mentioned Ca-P coatings, many coating techniques
have been developed to reduce the corrosion of Mg alloys,
such as hydrogenated amorphous silicon [149], alkaline
heat treatment [68, 150], carbonate treatment [151], fluoride
conversion coatings [152–157], biodegradable polymers [158–
160], or composite coatings of polymers and calcium phos-
phates [161–163]. Moreover, the degradation behavior of
Mg alloys can be significantly influenced by self-assembled
monolayers [164, 165] or by protein adsorption layers which
can be covalently bound to Mg surface using silane coupling
chemistry [166]. The latter approach may have the advantage
that in addition to the demonstrated strong effects onMg dis-
solution rate, binding of specific proteins on the surface pre-
vents nonspecific adsorption from the body fluids and hence
may offer a wide range of possibilities to tailor the biological
performance to match the requirements of the specific appli-
cation targeted.
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Fluoride chemical conversion coatings own merits such
as low cost and simplicity in operation [167]. Fluoride is
one of the few known agents that can stimulate osteoblast
proliferation and increase new mineral deposition in cancel-
lous bones. It is essential in the diet of human beings and is
thought to be required for normal dental and skeletal growths
[168]. Fluoride incorporated into the bone increases the size
and, thus, decreases the solubility of the bone apatite crystals
[169].

4. Concluding Remarks

The key to develop Mg-based alloys that are suitable as
biodegradable orthopedic implants is how to control their
degradation rates and mechanical integrity in the physiolog-
ical environment [35, 153]. That is to say, Mg alloys would
remain in the body and maintain mechanical integrity over
a time period of 6–12 weeks for upper limbs or 12–24 weeks
for lower limbs [170, 171], 12–18 weeks [35], 12 weeks [45],
or three phases: 3–7 days, 3-4 months, and months to years
[170, 172], while the bone tissue heals, eventually are replaced
by natural tissue. It is also important that the degradation
products, such as, Mg2+, H

2
, and OH− should be within

the body’s acceptable absorption levels [35]. If pH change
and H

2
evolution increase are too drastic, cell death [118]

and spalling off the coat as well as susceptibility to stress
corrosion cracking and H

2
-embrittlement [173, 174] of the

implantmaterial can take place.However, if the corrosion rate
of Mg-implant can be controlled by developing novel alloys
or surface modifications, the biological environment may be
better able to deal with H

2
-gas and OH− ions generation.
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This work proposes four different glass formulas derived from the SiO
2
-Li
2
O-K
2
O-Al
2
O
3
system to investigate the effect of glass

composition on their crystal formations and properties. Glass LD1 was SiO
2
-Li
2
O-K
2
O-Al
2
O
3
system with the addition of P

2
O
5

and CaF
2
as nucleating agents. In Glass LD2, a slight amount of MgO was mixed in order to increase the viscosity of the melting

glass. Finally, the important factor of Si : Li ratio was increased in Glasses LD3 and LD4 with compositions otherwise the same
as LD1 and LD2. The results found that P

2
O
5
and CaF

2
served as a nucleating site for lithium phosphate and fluorapatite to

encourage heterogenous nucleation and produce a fine-grained interlocking microstructure of lithium disilicate glass ceramics.
MgO content in this system seemed to increase the viscosity of the melting glass and thermal expansion coefficient including the
chemical solubility. Increasing the Si : Li ratio in glass compositions resulted in the change of themicrostructure of Li

2
Si
2
O
5
crystals.

1. Introduction

All-ceramic systems for dental restoration have been exten-
sively used over recent years due to substantial developments
meeting dental requirements, particularly in terms of their
mechanical properties and the opaque, presently accessible
appearance of all-ceramic materials [1]. Lithium disilicate
glass ceramic (Li

2
Si
2
O
5
) is one such all-ceramic system,

currently used in the fabrication of single and multiunit
dental restorations mainly for dental crowns, bridges, and
veneers because of its color being similar to natural teeth and
its excellent mechanical properties [2].

In general, glass ceramics can be produced by melting
glass and converting the substance into a uniform nucleation
and growth of fine-grained ceramics by controlled crystal-
lization process, in which the crystalline phases are nucleated
and grown in glass via heat treatment [3–5]. Lithiumdisilicate
glass ceramic, in particular the Li

2
O-SiO

2
system, is the first

material classified as glass ceramic discovered by Stookey as
having better mechanical properties over base glass [6]. Since
then, many comprehensive studies have paid attention to the

binary Li
2
O-SiO

2
system [7–13]. However, this binary system

lacks chemical durability for use as a restorative material
in dentistry. Therefore, nonstoichiometric compositions or
multicomponent glass ceramics were carried out to improve
the chemical durability, especially the addition of Al

2
O
3
and

K
2
O to the stoichiometric composition reported to enhance

the chemical durability of this glass ceramic [14–16]. Several
constituents, for example, ZnO, ZrO

2
, CaO, and P

2
O
5,
were

introduced to improve the properties of the final material
[4, 17–20]. Also, it is noted that P

2
O
5
as a nucleating agent

plays an important role in phase formation and crystallization
for lithiumdisilicate glass ceramic [16, 21, 22]. For that reason,
a slight P

2
O
5
content in glass composition could produce

a fine-grained interlocking microstructure resulting in high
mechanical strength [21].

Fluorine in glass affect its crystallization mechanism and
the phases formation due to the fact that fluorine is a network
modifier which could rearrange the glass network by forming
nonbridging fluorine to replace nonbridging oxygens [6].
Fluorine in calcium phosphate glasses produces a fluorapatite
phase which has less solubility characteristics; therefore, it
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could improve the chemical solubility of the glass ceramic
[23]. In addition, Beall [24] and Echeverria and Beall [18]
suggested that the SiO

2
: Li
2
O ratio is also a key success

factor in the formation of the main crystal phase in a new
lithium disilicate glass ceramic system. In order to optimize
the viscous properties of lithium disilicate glass to have better
pressing ability, components such as La

2
O
3
and MgO were

added to the main composition [25, 26].
In fact, studies of lithium disilicate glass ceramics have

focused mainly on the phase formation and crystallization
of Li
2
Si
2
O
5
, as affected by variations of temperature during

the heat treatment cycle and of minor compositional changes
in the main glass composition. These factors influence the
microstructure of the glass ceramic and consequently affect
the properties of the final products.

In this study, four different glass formulas derived from
the SiO

2
-Li
2
O-K
2
O-Al
2
O
3
system were prepared to investi-

gate the effect of glass compositions on their crystal forma-
tions, microstructures, and properties through the conven-
tional glass melting process. P

2
O
5
and CaF

2
as nucleating

agents were introduced to induce heterogeneous nucleation
and then produce a fine-grained interlocking microstructure
after heat treatment. MgO was added in the glass system to
increase the viscous properties, and, finally, the SiO

2
: Li
2
O

ratio in the glass composition was increased.The experimen-
tal results and their discussion are addressed as concerns the
crystallization behavior of the glasses, the microstructures,
and properties of the glass ceramics with the potential to be
used as dental restorations.

2. Materials and Methods

2.1. Glass Preparation. Glass batches were prepared by mix-
ing appropriate amounts of SiO

2
, Li
2
CO
3
, MgCO

3
(Sigma-

Aldrich Company, Belgium), Al
2
O
3
(Fluka Analytical, Ger-

many), P
2
O
5
(Acros organics, USA), K

2
CO
3
(Fluka chemika,

France), and CaF
2
(Merck chemicals, Germany). All starting

materials were reagent grade. Glass batches according to glass
compositions as shown in Table 1 were melted in a covered
Pt-10%Rh crucible at 1500∘C for 2 hrs and then quenched in
cold water to make frit. To achieve homogeneity, glass frit
was milled before being remelted at the same temperature for
2 hrs.Themelting glass was cast into warm graphite molds to
obtain glass rods with a dimension of 14mm in diameter ×
100mm long. Graphite molds were annealed in a muffle fur-
nace at 400–500∘C for 2 hrs to reduce the internal stress in the
glasses followed by cooling to room temperature at 1∘C/min.

2.2. Heat Treatment. Samples were cut into several disks of
14mm× 5mm long and then heat-treated in a Lenton furnace
(Lenton Ltd., Hope Valley, UK). A two-stage heat-treatment
schedule was performed in which the glasses were heated
to a nucleating temperature of 500∘C with a heating rate of
5∘C/min, held for 2 hrs, and then ramped up to various crystal
growth temperatures (e.g., 700∘C). The heating rate was
5∘C/min, and samples were held for 2 hrs followed by furnace
cooling with 5∘C/min to room temperature. Following heat
treatment, samples were referred to as glass ceramics LD1–
LD4.

Table 1: Glass compositions (% mol).

Oxides LD1 LD2 LD3 LD4
SiO2 60.0 59.0 63.0 62.0
Li2O 32.0 31.0 29.0 28.0
K2O 1.0 1.0 1.0 1.0
Al2O3 2.0 2.0 2.0 2.0
P2O5 2.0 2.0 2.0 2.0
CaF2 3.0 3.0 3.0 3.0
MgO — 2.0 — 2.0
Total 100.0 100.0 100.0 100.0
SiO2 : Li2O 1.88 1.90 2.17 2.21

2.3. Thermal Analysis

2.3.1. Differential Thermal Analysis. A Netzsch thermal anal-
ysis (NETZSCH STA 449 F3, Germany) was used to deter-
mine 𝑇g and 𝑇c by heating to 1000∘C with a heating rate of
10∘C/min. Fine glass samples (6–10 𝜇m) were analyzed under
flowing nitrogen with a Pt crucible filled with alumina as
reference and then heated together at the set up heating rate.
The results were used as a guide for determining the heat
treatment temperatures applied to induce crystallization.

2.3.2. Thermal Expansion Measurement. The coefficient of
thermal expansion using a Netzsch thermal analysis (NET-
ZSCHDIL 402 PC, Germany) dilatometer with a heating rate
of 5∘C/min was applied on the glass ceramic bars (5mm ×
5mm × 25mm) measuring from room temperature up to
600∘C. The linear thermal expansion coefficient (𝛼) was
calculated using the general equation: 𝛼 = (Δ𝐿/𝐿) ⋅ (1/Δ𝑇),
where (Δ𝐿) is the increase in length, (Δ𝑇) is the temperature
interval over which the sample is heated, and (𝐿) is the
original length of the specimen.

2.4. X-Ray Diffraction Analysis. Phase analyses of the glasses
and glass ceramics were performed by X-ray diffraction
(XRD, Rigaku TTRAX III) operating from 10∘ to 70∘ 2𝜃 at
a scan speed of 2∘ 2𝜃/min and a step size of 0.02∘ 2𝜃 with
Cu𝐾
𝛼
radiation (𝐾

𝛼
= 1.5406 nm) at 300mA and 50 kV.

Identification of phases was achieved by comparing the result
diffraction patterns with the ICDD (JCPDS) standard.

2.5. Scanning Electron Microscopy. Microstructure of the
glass ceramics was investigated by scanning electron micro-
scope (SEM: Hitachi S-3400N). After heat treatment, the
samples were polished with SiC paper (nos. 400, 800, 1000,
1200, and 2500) and finally with diamond paste (sizes 6,
3, and 1 𝜇m). Then, the samples were edged by chemical
etching process with hydrofluoric acid (4% vol) for 1 minute
and cleaned afterwards with a high-frequency vibration. The
samples were coatedwith gold by ion sputtering device (JEOL
JFC-1200) at a current generation of 15mA for 200 seconds.

2.6. Mechanical Properties Testing

2.6.1. Indentation Fracture Toughness (IFT). Glass specimens
(014mm × 5mm) were initially cut from the glass rod with
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a diamond saw blade machine (IsoMet 4000, Buehler, Ltd.,
USA) to create parallel faces. After heat treatment, they were
polished down using SiC paper and finally with diamond
paste. Indentations were obtained using Vickers hardness
testing machine (Vickers-Armstrong, Ltd., Crayford, UK) for
loads of 1 kg, 2 kg, 3 kg, 5 kg, and 7.5 kg. The used loads were
restricted to a range over which the indentation patterns
remained well defined, at the lower end by the minimum
requirement 𝑐 ≥ 2𝑎, where 𝑐 is the radial crack length and 𝑎
is the indentation half-diagonal length, and at the upper end
by chipping or by the limitation of specimen thickness. For
each load, at least 15–20 indentations were made, and at least
ten to fifteen readings were taken using an opticalmicroscopy
(ZEISS Model Axiotech) equipped with a digital camera
and computer. Fracture toughness was calculated using the
formula 𝐾Ic = 0.0824 P/C

3/2, where 𝐾Ic is indentation
fracture toughness (IFT), 𝑃 is the indentation load, and 𝐶 is
the radial crack size.

2.6.2. Biaxial Flexural Strength. Glass specimens (014mm ×
4mm) were cut from the glass rods to obtain at least six
disks. After two-stage heat treatment, they were ground and
polished using SiC paper and diamond paste. Test geometry
of three-ball supported test-jig equipped with a universal
testing machine (Model 8872, Instron Instruments, Ltd.,
Fareham, Hampshire, UK) with a ring support of 10mm at a
cross-head speed of 1mm/minwas performed on the samples
(Figure 1). A sheet of paper was placed between the samples
and support ring to eliminate any additional flatness and
reduce friction [27]. The center of each disk was marked
as the correct place for the loading ball before testing. The
maximum stress, 𝜎max at the center was calculated applying
the following equation [27]:

𝜎max =
3 (1 + ]) 𝑃

4𝜋𝑡
2
[1 + 2 ln 𝑎

𝑏

+

(1 − ])

(1 + ])
{1 −

𝑏
2

2𝑎
2
}

𝑎
2

𝑅
2
] ,

(1)
where 𝑃 is load, 𝑡 is disk thickness, 𝑎 is the radius of the circle
of the support ring, 𝑏 is the radius of the region of uniform
loading at the center 𝑏 = 𝑡/3, 𝑅 is the radius of the disk
sample, and ] is Poisson’s ratio, ] = 0.25.

2.7. Chemical Solubility Testing. After two-stage heat treat-
ment, the glass specimens (014mm × 2mm) were polished
to create parallel faces. Glass ceramic specimens were washed
and dried at 150∘C for 4 hrs followed by being weighed to the
nearest 0.1mg (𝑊

𝑏
). The total surface area of the specimens

was determined to the nearest 0.1 cm2. Specimens were then
individually immersed in a 250mL glass bottle with 100mL
acetic acid, 4% solution in water. The bottles were closed
with their caps and then placed in an oven at 80∘C for
16 hrs. Next, the specimens were washed and dried at 150∘C
for 4 hrs to achieve a constant mass. Finally, the specimens
were reweighed to obtain the mass after immersion (𝑊

𝑎
).

The chemical solubility was determined by the following
equation:

Chemical solubility =
(𝑊
𝑏
−𝑊
𝑎
)

surface area of the specimen
. (2)

or
F F

Figure 1: Test geometry of biaxial flexural strength.

Table 2: Summary of transition and crystallization temperatures of
glasses.

Glasses 𝑇g (
∘C) 1st 𝑇c (

∘C) 2nd 𝑇c (
∘C) 3rd 𝑇c (

∘C)
LD1 520 650 870 910
LD2 530 645 860 910
LD3 505 650 910 —
LD4 500 650 770 885

The chemical solubility test method in this study was referred
to the ISO 6872 [28].

3. Results and Discussion

3.1. Differential Thermal Analysis. TheDTA traces for glasses
LD1–LD4 in Figure 2 and the summary of the exothermic
and endothermic peaks in Table 2 show the exothermic and
endothermic anomalies for all glasses attributed to either the
glass transition (𝑇g) or crystallization temperatures (𝑇c).

The DTA traces of Glass LD1 exhibited triple exother-
mic peaks at 650∘C, 860∘C, and 910∘C. A similar trend of
three crystallization peaks at 650∘C, 860∘C, and 910∘C was
observed in Glass LD2. The study by Schweiger et al. [29]
reported that the first crystallization of SiO

2
-Li
2
O system

founds at 589∘C corresponding to Li
2
SiO
3
and the second

crystallization peak at 770∘C associated to Li
2
Si
2
O
5
. The first

and second crystallization temperatures of Li
2
O-Al
2
O
3
-SiO
2

system in this study were at a higher temperature than the
stoichiometric composition. This might be because of the
addition of P

2
O
5
and CaF

2
into glass compositions. Then,

the third exothermic peak was observed. The addition of the
MgO may not result in any significant changes in the 𝑇g and
𝑇c of the Glasses LD1 and LD2.

In Glass LD3, 𝑇cs were observed at 650∘C and 910∘C.
Two exothermic peaks associated with the crystallization



4 Advances in Materials Science and Engineering

0

5

10

15

20

25

30

200 300 400 500 600 700 800 900 1000

520 650

910

910
860

870

645

530

910

650
505

500
770

885

Exo.
Endo.

LD3

LD4

LD2

LD1

650

Temperature (∘C)

Figure 2: DTA traces of Glasses LD1–LD4.

temperatures were observed by increasing the Si : Li ratio
in LD3. Differently, in Glass LD4, three exothermic peaks
were observed: firstly, a small peak at about 650∘C and two
broadening peaks at 770∘C and 885∘C. It seems that the
second crystallization temperature decreased to 770∘C in
this composition. The addition of MgO in LD4 was behind
the decrease of the second crystallization down to a lower
temperature than that of LD1 and LD2 which had lower
SiO
2
: Li
2
O ratios. Moreover, the crystallization of fluorap-

atite, Li
3
PO
4
, and aluminosilicate is the minor crystallization

in the system, so that it is difficult to identify the exothermic
peaks related to these minor phases.

3.2. The Coefficient of Thermal Expansion. Figure 3 presents
the changes in thermal expansion coefficients of glass ceram-
ics as a function of heat treatment temperatures. The coef-
ficients of thermal expansion for LD1–LD4 decreased with
increasing heat treatment temperature in all glass ceramic
samples except LD2, of which the thermal expansion coef-
ficient rose following heat treatment at 850∘C.

The increasing in thermal expansion coefficient value of
LD2 after heat treatment at 850∘C was possibly due to the
addition of MgO. It is well known that MgO is not a glass
former; therefore, the addition of MgO causes a weakening
of the glass network structure and, consequently, a higher
coefficient of thermal expansion [30]. Even though MgO
was also added in LD4, the thermal expansion coefficient
of LD4 after heat treatment at 850∘C was decreased. The
possible reason to explain this phenomenon is the different in

9.00

9.50

10.00

10.50

11.00

11.50

12.00

750 800 850

LD1
LD2

LD3
LD4

Heat treatment temperature (∘C)

C
oe

ffi
ci

en
t o

f t
he

rm
al

 ex
pa

ns
io

n 
(×
10

−
6
/∘

C)

Figure 3: The coefficient of thermal expansion of LD1, LD2, LD3,
and LD4 which were heat-treated at 750–850∘C for 2 hrs.

SiO
2
: Li
2
O ratio.The SiO

2
: Li
2
O ratio of LD4was 2.21, which

was higher than that of LD2 (1.90).
In general, the thermal expansion coefficients of the glass

ceramics mainly depend on the crystalline phases present
at different temperatures and volume content in the matrix
glass. Not only crystal types affect the thermal expansion
coefficient but also the glass composition which is related to
the structure of the glass [31]. The different crystal types have
different thermal expansion coefficients [32].The explanation
behind the high thermal expansion coefficient of all glass
ceramics in this study is the presence of several crystalline
phases such as fluorapatite (10.0× 10−6/∘C [33]), lithiumphos-
phate, lithium metasilicate (13.0 × 10−6/∘C [34]) and lithium
disilicate (11.4 × 10−6/∘C [34]), which have a high thermal
expansion coefficient in the glass composition. The decrease
of the thermal expansion coefficient as the temperature rise
can be explained by the 𝛽-quartz solid solution changes
into lithium aluminium silicate: virgilite (a stuffed 𝛽-quartz),
having a low or negative thermal expansion coefficient with
the temperature increasing [35].

3.3. Summary of the Phase Evolution. Figure 4 shows XRD
patterns of all glass ceramics heat treated at 700–850∘C
for 2 hrs, and the crystalline phases are summarized in
Table 3. The crystal structures found in LD1 heat treated
at 700∘C were lithium disilicate (LD, Li

2
Si
2
O
5
: ICDD no.

40-0376), lithium metasilicate (LS, Li
2
SiO
3
: ICDD no. 29-

0829), lithium aluminium silicate (virgilite, Li
0.6
Al
0.6
Si
2.4
O
6
:

ICDD no. 21-0503 and spodumene (LiAlSi
2
O
6
: ICDD no.

033-0786), fluorapatite (Ca
5
(PO
4
)
3
F: ICDD no. 15-0876),

lithium phosphate (Li
3
PO
4
: 015-0760), and SiO

2
: high quartz

(2𝜃 = 20.26∘, ICDD no. 11-0252). At higher temperatures,
the intensity of LS and virgilite peaks decreased while the
intensity of lithium disilicate peaks increased. This exhibited
higher in lithium disilicate crystallization. In addition, the
peaks of 𝛽-quartz decreased until disappeared when heat
treated at 850∘C.
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Figure 4: X-ray diffraction patterns of (a) LD1, (b) LD2, (c) LD3, and (d) LD4 after heat treatment at 700–850∘C for 2 hrs.

A similar phase formation was also observed in LD2 with
the addition of MgO. The small discrepancy was the crystal
peaks associated to 𝛽-quartz solid solution (2𝜃 = 26.26∘)
when heat treatment at 700∘C transformed into virgilite
(2𝜃 = 25.88∘) after heat treatment at 750∘C. And this phase
remained when heat treatment was at 800∘C and 850∘C.

Generally, the 𝛽-quartz could be stabilized by Li+ or
Mg2+, Zn+, and Al3+ called quartz-solid-solution which nor-
mally does not transform into the low-quartz-solid-solution
while cooling down to room temperature resulting of a small

thermal expansion coefficient [36]. Meanwhile, virgilite is
the naturally occurring representative of the solid-solution
series between 𝛽-quartz and LiAlSi

2
O
6
with a stuffed 𝛽-

quartz structure [34]. However, the possible explanation of
the virgilite formation in laboratory experiment was that
the sluggish reaction rates in the system Li

2
O-Al
2
O
3
-SiO
2

require high pressure and temperature. Then reaction rate
could be increased by the presence of Fe, alkalis, and volatiles,
thus promoting the formation of virgilite at lower pressure
within its stability field [34].
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Table 3: Summary of crystalline phases.

Glasses Heat treatment temperature (∘C) Crystalline phases

LD1

700 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F, SiO2

750 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F, SiO2

800 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F
850 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, LiAlSi2O5, Li3PO4, Ca5(PO4)3F

LD2

700 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F, SiO2

750 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F
800 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F
850 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F

LD3

700 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F, SiO2

750 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F
800 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F
850 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F

LD4

700 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F, SiO2

750 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F
800 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F
850 Li2Si2O5, Li2SiO3, Li0.6Al0.6Si2.4O6, Li3PO4, Ca5(PO4)3F

Figure 4(c) presents XRD pattern of LD3 heat treat-
ment at different temperatures. By increasing the SiO

2
: Li
2
O

ratio, in the glass composition, phase separation occurred
due to the white and semiopaque appearance observed
in LD3. Therefore, the crystal structures found in the as-
cast glass were Li

3
PO
4
. At 700∘C, XRD patterns showed

the phase formation of Li
2
SiO
3
, lithium aluminium silicate,

Li
2
Si
2
O
5
, Ca
5
(PO
4
)
3
F, and SiO

2
: high quartz. The small

peaks of Li
3
PO
4
decreased when heat treated at higher

temperatures. With increasing temperature, the intensity of
Li
2
Si
2
O
5
increased as well as the retention of Li

2
SiO
3
, lithium

aluminium silicate (virgilite), and Ca
5
(PO
4
)
3
F. By increasing

the SiO
2
: Li
2
O ratio, the more lithium aluminium silicate

crystal peaks were observed compared to LD1 which has low
SiO
2
: Li
2
O ratio.

The phase formation of LD4 is presented in Figure 4(d).
The as-cast glass appearance looks clearer than that of LD3,
implying that no phase separation occurred in this glass. At
700∘C, the peaks corresponded to Li

2
SiO
3
, Li
3
PO
4
, Li
2
Si
2
O
5
,

Ca
5
(PO
4
)
3
F, lithium aluminium silicate, and SiO

2
in the

form of the high quartz observed. Then after heat treatment
at higher temperature, the crystal peaks associated to 𝛽-
quartz solid solution (2𝜃= 26.26∘) when heat-treated at 700∘C
transformed into virgilite (2𝜃 = 25.88∘) after heat treatment at
750∘C; this is similar to LD2.The difference fromLD2was the
number of Li

2
SiO
3
peaks observed in LD4 wich was less than

that in LD2.
The growth of lithium disilicate could be initiated by the

primary crystallization of the precursor lithium metasilicate,
in particular, lithium disilicate glass ceramic containing
Al
2
O
3
[36]. Glass ceramic containing P

2
O
5
may be nucleated

by the initiation of the phase separation process, such as
Li
3
PO
4
nuclei [4, 37, 38]. P

2
O
5
can react with Li

2
O in Li

2
O-

rich regions to form the Li
3
PO
4
crystal nuclei which act

as nucleating sites shown in reaction(3). Some Li
2
O was

consumed in the Li
2
O-rich regions to form Li

3
PO
4
phase

(reaction (3)) which can induce the precipitation of Li
2
SiO
3

crystal (reaction(4)). It is reasonable to assume that Li
2
SiO
3

precipitated on the Li
3
PO
4
crystal nuclei in Li-rich regions,

and the growth of Li
2
Si
2
O
5
was at the expense of consuming

Li
2
SiO
3
as shown in reaction (5)

P
2
O
5
(glass) + 3Li

2
O (glass) = 2 Li

3
PO
4
(crystal)

(3)

Li
2
O (glass) + SiO

2
(glass) = Li

2
SiO
3
(crystal) (4)

Li
2
SiO
3
(crystal) + SiO

2
(glass) = Li

2
Si
2
O
5
(crystal) .

(5)

Therefore, the sequence of the primary crystal phase
formation as Li

3
PO
4
, Li
2
SiO
3,
and Li

2
Si
2
O
5
was proposed [4].

On the other hand, the investigation on complex simulta-
neous and sequential solid-state reactions in an Al

2
O
3
-free

lithium disilicate glass ceramic found that Li
3
PO
4
crystals

were formed after the crystallization of Li
2
SiO
3
and Li

2
Si
2
O
5

[13]. Hence, they [13] concluded that Li
3
PO
4
does not

nucleate lithium disilicate crystals, as previously studied for
the glasses of similar composition [17].

However, in this case a different early phase formation
was observed. Due to CaF

2
added in this system, the peaks

were associated with the crystal of fluorapatite indexed in
the XRD pattern in parallel with Li

3
PO
4
. Subsequently, at an

early stage, the incorporation of fluorine in phosphate glasses
leads to P-F bonds at the expense of P-O-P bonds to possibly
form fluorapatite: Ca

5
(PO
4
)
3
F crystals [39]. Therefore, it is

reasonable to conclude that the formation of Li
2
Si
2
O
5
crystals

in this case occurred from the heterogeneous nucleation of
Li
3
PO
4
and Ca

5
(PO
4
)
3
F caused from the addition of CaF

2

and P
2
O
5
in glass compositions. Hence, P

2
O
5
also act as a

nucleating agent in this system.
Furthermore, the investigation on spodumene,

Li
2
O⋅Al
2
O
3
⋅4SiO
2
glass ceramics adding ZrO

2
suggested

that Al
2
O
3
content should not exceed 30% wt to achieve
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a low coefficient of thermal expansion and highly thermal
shock resistant [40], as a result of detritions of mechanical
strength [35]. In this study only 2% wt of Al

2
O
3
was added in

the glass compositions, in the range to produce a low thermal
expansion coefficient glass ceramic.

3.4. Microstructure. The morphology of the system was
studied, and SEM micrographs of the sample surfaces are
shown in Figure 5. At 700∘C, SEM images of glass ceramic
LD1 illustrate the spherical-like crystals of both Li

2
SiO
3

and Li
3
PO
4
. Normally, Li

2
SiO
3
and Li

3
PO
4
crystals could

dissolve in HF solution if one-stage treatment applied due
to the precipitate crystals was not stable [4]. In this study,
two-stage treatment was applied, thus, Li

2
SiO
3
and Li

3
PO
4

crystals could be seen by SEM consistent with XRD pattern
which indicated the formation of both crystals. XRD patterns
also indicated the formation of the lithium aluminium
silicate: virgilite and fluorapatite crystals. Both crystals have
a rounded or spherical-like shape similar to Li

2
SiO
3
and

Li
3
PO
4
but smaller in size, which is hardly to find by either

SEM technique or energy dispersive spectroscopy (EDS)
[41]. Transmission electron microscopy could be a better
technique to show these spherical shapes of the virgilite and
fluorapatite crystals [42, 43].

After heat treatment at 800∘C, several lath-like crystals
of lithium disilicate were observed. With increasing heat
treatment temperature, the more and the coarser the lath-
like crystals occurred, in close consistency with XRD results.
A similar microstructure was also observed in LD2. A small
discrepancy appeared at 750∘C for LD2 in which no lath-like
crystal of Li

2
Si
2
O
5
was noticed but the lath-like crystals can

be observed in samples after heat treatment at 800∘C and
850∘C.

SEM images of LD3 and LD4 shown in Figures 5(c)
and 5(d) reveal that the spherical-shaped crystals of both
Li
2
SiO
3
and Li

3
PO
4
occurred at 700∘C and 750∘C followed

by the appearance of needle-like crystals or plate-like crystals
of Li
2
Si
2
O
5
in a glassy matrix at 800∘C and 850∘C. This

needle-like crystal looked very long with a narrow diameter.
The higher the temperature of heat treatment, the larger the
aspect ratio and greater interlocking of the needle-like crystal
was observed. The increase in the Si : Li ratio in LD3 and
LD4 compositions seems to have induced the change in the
microstructure of the Li

2
Si
2
O
5
crystal from the fine lath-like

crystal to the needle-like or plate-like crystal. The addition
of a slight amount of MgO content in glass composition
showed no significant changes in the microstructure of the
glass ceramics. This phenomenon was also observed in LD1
and LD2.

3.5. Mechanical Properties

3.5.1. Indentation Fracture Toughness (IFT). The IFT values
of the glass ceramics LD1–LD4 at different temperatures
are shown in Figure 6. The highest IFT for all samples was
obtained at 800∘C with glass ceramics LD1, LD2, and LD4,
3.59±0.01, 3.72±0.03, and 3.58±0.01MPam1/2, respectively,
which suggests that this heat-treatment temperature is close
to the optimum, probably caused by the finer andmore highly

interlocked crystals. Of exceptional note was that the highest
IFT value of LD3, 7.88± 0.01MPam1/2 was found in samples
at a heat treatment of 850∘C at which a finer microstructure
with a high aspect ratio might be occurring. It was reported
that the finer the microstructure, the more twisted the path
for fracture and, therefore, the higher the fracture toughness
[42]. Consequently, LD1, LD2, and LD4 at 850∘C and LD3 at
800∘C, which illustrated a coarser microstructure, obtained
lower IFT values. As shown in (Figure 4(c)), XRD pattern of
LD3 indicated the more numbers of lithium aluminium sili-
cate: virgilite crystals with a high intensity compared to that of
other glasses, particularly at 800∘C and 850∘C.Therefore, the
thermal expansion mismatch between Li

2
Si
2
O
5
and virgilite

resulted in residual stresses ormicrocracks on cooling, which
create crack tip shielding and enhanced toughness of LD3 at
800C∘ and 850∘C.

3.5.2. Biaxial Flexural Strength (BFS). Figure 7 presents the
BFS values of the glass ceramics LD1-LD4 at different tem-
peratures. For LD1, the BFS was at its maximum (396.24 ±
79MPa) at 750∘C which didnot significantly decrease after
heat treatment at 800∘C (388.05 ± 38MPa) followed by
drastical change to 256.06 ± 29MPa at 850∘C. In LD2, the
maximumBFSwas 471.39±42MPa at 800∘Cwhich increased
from 383.62 ± 28MPa at 750∘C followed by a decrease to
295.55 ± 23MPa at 850∘C. In LD3, an increase in BFS was
observed from 353.17 ± 81MPa in samples heat-treated at
750∘C to 404.94 ± 26MPa at 800∘C followed by a decrease
to 317.01 ± 13MPa at 850∘C. For LD4, the maximum BFS
was 489.73 ± 47MPa at 800∘C which sharply increased
from 251.82 ± 20MPa at 750∘C followed by a decrease to
388.78 ± 39MPa at 850∘C. Overall, the highest BFS of the
studied glass ceramics was found at 800∘C in which a finer
microstructure was noted. Another reason is that the thermal
expansion mismatch between lithium disilicate and other
phases, including glass matrix, probably caused tangential
compressive stresses around the crystals, which was respon-
sible for crack deflection and enhanced strength [1].

Irwin, as with Griffith approach, introduced stress inten-
sity factors as a quantitative indicator on the effect of
dimension and shape [44] on the magnitude of the stresses
near a crack tip [45]. This is expressed in a general formula
for an infinite plate with crack length = 2𝑎 at its center,

𝜎 =

𝐾IC
√𝜋𝑐

, (6)

where 𝜎 is the nominal stress or biaxial flexural strength,𝐾IC
is the fracture toughness, and 𝐶 is the flaw size.

With this formula, it is possible to find the correlation
between strength and the stress field (fracture toughness) in
the terms of a critical flaw size, as shown in Table 4 since
both strength and fracture toughness are known. It is worth
noting that Mencik [44] and Green [45] suggested that if the
crack length or flaw size is smaller than the pore or crystal
size, a high𝐾IC but low strength value may occur. This could
explain the situation of the high fracture toughness but low in
strength of LD3 at 800∘C and 850∘C due to the largest critical
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800∘C 850∘C
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700∘C 750∘C
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Figure 5: SEM micrographs of (a) LD1, (b) LD2, (c) LD3, and (d) LD4 after heat treatment at different temperatures for 2 hrs.

Table 4: The comparison on calculated flaw sizes of Glasses LD1–LD4 after being heat-treated at 750∘C, 800∘C, and 850∘C.

Glasses 750∘C 800∘C 850∘C
𝐾IC (MPam1/2) 𝜎 (MPa) 𝐶 (𝜇m) 𝐾IC (MPam1/2) 𝜎 (MPa) 𝐶 (𝜇m) 𝐾IC (MPam1/2) 𝜎 (MPa) 𝐶 (𝜇m)

LD1 1.80 396.24 6.56 3.59 388.05 27.25 2.69 256.06 35.21
LD2 1.91 383.62 7.86 3.72 471.39 19.81 2.30 295.55 19.31
LD3 1.44 353.17 5.26 7.25 404.94 102.17 7.88 317.01 196.87
LD4 1.19 251.82 7.10 3.58 489.73 16.98 2.76 388.78 16.03

flaw size (∼102 𝜇m for 800∘C and ∼197 𝜇m for 850∘C) which
was found in these samples.

3.6. Chemical Solubility. Chemical solubility is an important
property for dental restoration since a high solubility or low
resistance to erosion will strictly limit the effective lifetime
of the restoration. Moreover, the chemical solubility property
also directly affects the strength of the glass ceramic material.
Figure 8 shows the chemical solubility value of all glass
ceramics at different temperatures. It was found that the
chemical solubility of all glass ceramics slightly decreased
with increasing temperature, except that of LD2 which had

MgO content.The addition of alkaline earth such as CaO and
MgO in glass composition could increase chemical solubility
in glass ceramics owing to the increased volume of crystalline
phase [6]. Considerably, the microstructure of LD2 at 850∘C
(Figure 5(d)) shows a high aspect ratio of needle-like crystals
which are loosely interlocking compared to other glasses.This
kind of microstructure might be easy for the acid to attack on
the surface of the sample.Therefore, themicrostructure could
also be responsible for high chemical solubility of LD2.

In fact, the chemical solubility of the core ceramic
materials must be less than 2000𝜇g/cm2, and that of the
body ceramic materials directly in contact with the oral
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treated at different temperatures for 2 hrs.
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Figure 8: The chemical solubility of LD1, LD2, LD3, and LD4 at
different heat-treated temperatures for 2 hrs.

environment should be less than 100 𝜇g/cm2 according to
ISO 6872 [28]. Generally, the chemical solubility of the glass
ceramic in this study was in the acceptable range according
to ISO 6872 for core ceramic material. The lowest chemical
durability was LD4, at ∼28𝜇g/cm2, heat-treated at 800∘C.

4. Conclusions

All glass ceramics were identified by X–ray diffraction
method, and it was found that P

2
O
5
and CaF

2
served as a

nucleating site for lithium phosphate, Li
3
PO
4
, and fluorap-

atite, Ca
5
(PO
4
)
3
F, to induce heterogeneous nucleation and

then produce a fine-grained interlocking microstructure of
lithium disilicate glass ceramics. MgO content in this system
seems to have played less of a role in changing the phase
formation and microstructure of the glasses but enhanced
the viscosity of the melting glass and thermal expansion
coefficient including the chemical solubility. The increase in
the Si : Li ratio in glass compositions resulted from the change
in the microstructure of Li

2
Si
2
O
5
crystal from fine lath-like

crystals to needle-like or plate-like crystals. In this study, LD3
heat-treated at 850∘C exhibited the best fracture toughness
of ∼8MPam1/2. In addition, LD4 heat-treated at 800∘C had
the best biaxial flexural strength and chemical solubility of
∼490MPa and ∼28𝜇g/cm2, respectively. These glass compo-
sitions are promising for potential use as dental crowns.
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Ti-29Nb-13Ta-4.6Zr (TNTZ) alloy has excellent mechanical properties and bone conductivity. For dental application, TNTZ
surfaces were converted to white oxidized layer by a simple heat treatment in air to achieve the formation of aesthetic surfaces.
The oxidized layer formed by the heat treatment at 1000∘C for 0.5 or 1 hr was whiter and joined to TNTZ substrate more strongly
than that formed by the treatment at 900∘C. The layer consisted of TiO

2

(rutile), TiNb
2

O
7

, and TiTa
2

O
7

and possessed ∼30𝜇m in
thickness for the sample heat-treated at 1000∘C and ∼10𝜇m for that heat-treated at 900∘C. The surface average roughness and the
wettability increased after the heat treatment. The spreading and proliferation level of mouse osteoblast-like cell (MC3T3-E1 cell)
on the heat-treated sample were almost the same as those on as-prepared one.The cell spreading on TNTZwas better than those on
pure titanium (CP Ti) regardless of the heat treatment for the samples. There was no deterioration in the in vitro cell compatibility
of TNTZ after the oxidized layer coating by the heat treatment.

1. Introduction

Titanium (Ti) and its alloys have been developed for the
use in orthopedic and dental fields, such as joints, plates,
screws, and tooth roots. Ti materials show better corrosion
resistance than stainless steel and Co-Cr alloys, which are
used for biomedical applications, due to the stable titanium
oxide films formed on their surfaces. Ti alloys are categorized
as 𝛼-type, 𝛼+𝛽-type, and 𝛽-type, according to the quantities
and types of their alloying elements. Various types of Ti
alloys have been developed, particularly𝛼+𝛽-type and𝛽-type
alloys, which have nontoxic and nonallergic elements, and are
expected to be useful for biomedical application [1–4]. Ti-
6Al-4V ELI alloy has been registered in ASTM standardiza-
tions and used as bone fixation plates and the stems of artifi-
cial hip joints. The ELI alloy shows significant toughness: an
extremely high 0.2%offset yield strength of 895MPa, which is
higher than those of stainless steel and Co-Cr-Mo alloys [3].

Ti-29Nb-13Ta-4.6Zr (TNTZ) was developed as a low
rigidity 𝛽-type alloy composed of non-toxic and non-allergic
elements [1, 2]. The mechanical properties such as tensile
properties and fatigue strength of TNTZ are equal to or
greater than those of Ti-6Al-4VELI alloy. Young’smodulus of
TNTZ is much lower than that of the ELI alloy, which makes
it the preferred material for use in bone fixators. The bone
conduction ability of TNTZ is better than that of stainless
steel or the Ti-6Al-4V alloy [1]. Differences in mechanical
properties between implant materials and natural bone lead
to negative effects, such as stress shielding [2].The properties
of TNTZ have been found to be close to those of bone and
expected in medical and dental fields.

Some dental materials, for example, artificial tooth and
orthodontics devices such as arch wire or bracket, are
required to exhibit natural sensuousness to make teeth
healthy and beautiful. There is therefore concern that TNTZ
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Figure 1: Appearances of TNTZ samples. (a) As-prepared, (b) heated at 900∘C for 0.5 hr, (c) heated at 900∘C for 1 hr, (d) heated at 1000∘C for
0.5 hr, and (e) heated at 1000∘C for 1 hr. Spectral reflectances of TNTZ samples before and after heat-treatment at 1000∘C for 0.5 hr (f).

has disadvantages of aesthetic sensuousness due to its metal-
lic colour. We believe that natural bone- or tooth-coloured
coating (white-coloured coating) on TNTZ surface should be
effective to solve this problem. The white-coloured coating
should exhibit biocompatibility as well as or better than that
of TNTZ.

Several surface modifications for Ti and Ti alloys have
been performed to enhance their biocompatibilities [3, 5].
Many pyroprocessing methods of coating hydroxyapatite
(HAp), which is the main inorganic component of bone and
shows an excellent biocompatibility, on the metal surfaces
have been reported [6]. There is, however, concern that the
prepared HAp has lower adhesion ability with the metal

substrate and the coating method has limit to achieve
complex-shaped metals. In addition, the HAp coating
prepared by the pyroprocessing method, such as plasma
spraying, exhibits lower chemical durability in body than
the stoichiometric one, which attributes to an unexpected
dissolution of the coating after implantation.

Calcium phosphate invert glass-ceramic (60CaO-
30P
2
O
5
-7Na
2
O-3TiO

2
in mol%) coating, which exhibits

biocompatibility, for TNTZ has been reported in our
previous research [7, 8]. The coating was prepared with
the following method: dipping the alloy disc into the glass-
powder slurry, drying the resulting disc at 100∘C, and heating
it in air at 800∘C for 0.5∼2 hr. Tensile test demonstrated
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Figure 2: XRD patterns of (A) TNTZ and (B) CP Ti. (A-a) As-prepared, (A-b) heated at 900∘C for 0.5 hr, (A-c) heated at 900∘C for 1 hr, (A-d)
heated at 1000∘C for 0.5 hr, (A-e) heated at 1000∘C for 1 hr, (B-a) as-prepared, and (B-b) heated at 1000∘C for 1 hr.

that the bonding strength of the coating with TNTZ was
higher than that with Ti-6Al-4V or pure Ti (CP Ti) and the
strength value (∼25MPa) was relatively higher than that of
the plasma-sprayed HAp coating on CP Ti (≲7MPa) [6]. It
was also found that an intermediate layer consisting of a thin
oxidized-TNTZ layer formed between the coating and the
substrate. They fractured in the glass-ceramic coating after
the tensile test.This means that the bonding strength value of
the oxidized layer and TNTZ substrate was higher than the
measured one, whichmay indicate that the layer bonds to the
substrate more strongly than the plasma-sprayed HAp. The
oxidized layer was white because light scattering takes place
at grain boundaries in its crystals. Thus, we considered that
the oxidized layer can contribute the aesthetic sensuousness
to TNTZ sample and the layer is able to be prepared by a
simple heat treatment on the sample surface even if it has a
complex shape.

The aim of the present work was to prepare white-
coloured layer by oxidization of TNTZ surfaces using a simple
dry method, that is, heating TNTZ sample in air, and to
evaluate its cell compatibility, particularly initial cell adhesion
and proliferation, by in vitro test, using CP Ti or TiO

2

as a comparative sample. Initial cell adhesion to substrates
has been reported to influence subsequent cell events, such
as proliferation, differentiation, and mineralization (in case
of osteoblastic cells) [9]. The adhesion is influenced by
substrate’s surface properties, such as chemical component,
wettability, roughness (nano∼micro), and topography, [9–
14]. TNTZ has already been found to be excellent tissue-
compatible by the results of in vivo tests [1, 2]. The oxidized

layer was required to be tissue-compatible as well as or
better than TNTZ for the dental application, while the
aforementioned surface properties would be changed from
as-prepared one. In the present work, the initial adhesion,
spreading, and proliferation of mouse osteoblast-like cell
(MC3T3-E1 cell) on the oxidized layer on TNTZ and CP Ti
were assessed and discussed with the layer’s properties.

2. Materials and Methods

2.1. Sample Preparation. Hot rolled Ti-29Nb-13Ta-4.6Zr bars
with a diameter of 10mm were used as a substrate material.
A solution treatment was done for the prepared TNTZ bar;
that is, the material was heated to 795∘C with a rate of tem-
perature rising of 50∘C⋅min−1and then to 800∘C with the rate
of 1∘C⋅min−1 and kept for 3 hr at 800∘C in Ar gas with an
electrical furnace. TNTZ discs with 10mm in diameter and
0.2mm in thicknesswere prepared from the bar using a cutter
(Accutom-50, Marumoto Struers, Japan) followed by pol-
ishing with an emery cloth (number 1500). To prepare an
oxidized layer on the discs, they were set on an Al

2
O
3
board,

heated in air using an electrical furnace to 900 or 1000∘Cwith
a rate of temperature rising of 5∘C⋅min−1, and kept at each
temperature for 0.5 or 1 hr. Ti (CP Ti) plate with the dimen-
sion of 10 × 10 × 0.3mm was polished and heated at 1000∘C
for 1 hr by the same conditions as those for TNTZ.

2.2. Material Characterization. Spectral reflectance of the
sample surface was measured with a spectrophotometric
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Figure 3: SEM images of TNTZ surfaces. (a) As-prepared, (b)-(c) heated at 900∘C for 0.5 hr, (d)-(e) heated at 900∘C for 1 hr, (f)-(g) heated at
1000∘C for 0.5 hr, (h)-(i) heated at 1000∘C for 1 hr, and (c)–(i) magnified images of (b)–(h).



Advances in Materials Science and Engineering 5

10𝜇m

(a)

10𝜇m

(b)

3𝜇m

(c)

Figure 4: SEM images of CP Ti surfaces. (a) As-prepared, (b)-(c)
heated at 1000∘C for 1 hr, and (c) magnified image of (b).

colorimeter (CM-700, Konica Minolta). Surface morphology
and cross-section of the disc were observed with scan-
ning electron microscope (SEM, JSM-6301F, JEOL, Japan)
incorporating an energy dispersive spectrometer (EDS) after
coating the samples with amorphous osmium layer using a
vapor depositionmethod (Neoc, Meiwafosis Co. Ltd., Japan).
The cross-section of the samples was observed by mounting
inmethylmethacrylate (Technovit 4004, Okenshoji Co., Ltd.,
Japan) and then cut by a diamond saw. The cross-section of
the samples was polished, coated with amorphous osmium,
and then observed by SEM. Surface roughness was measured
with a roughness measure (Surftest 401, Mitutoyo, Japan)
followed by calculating an average roughness (Ra). X-ray
diffractometry (XRD) was performed on the PANalytical

(Holland) X’pert-MPD using a step size of 2𝜃: 0.017∘ with
Cu K𝛼 radiation, at 45 kV and 40mA, with a count rate
of 15 sec per step, from 2𝜃 values of 15∘ to 60∘. Wettability
measurement was performed with a contact angle meter
(DM 300, Kyowa, Japan). 10 samples were used for the
measurement.

2.3. Ion Release and Cell Compatibility. The discs for cell
culture tests were sterilized by heat treatment at 180∘C for
1.5 hr and then placed in a 24-well plate. The culture medium
used was 𝛼MEM containing 10% fetal bovine serum (FBS). 1
mL of 𝛼MEMwas added to each well followed by incubation
at 37∘C in a humidified atmosphere of 95% air, 5% CO

2
for

7 days. The culture medium was changed after 1 day of incu-
bation and then changed every other day. Ion concentration
(Ti, Nb, Ta, and Zr) in the replaced medium was measured
by inductively coupled plasma atomic emission spectroscopy
(ICP-AES, ICPS-500, Shimadzu, Japan). Three samples of
each sample were tested.

MC3T3-E1 cells were seeded on the disc placed in a 24-
well plate at a density of 50,000 cells/well and then incubated
at 37∘C in a humidified atmosphere of 95% air, 5% CO

2

for 1 day. SEM was used to monitor cell attachment and
morphology. The discs after culturing were rinsed twice with
phosphate buffered saline (PBS). The cells were fixed in 2.5%
glutaraldehyde for 40min at 4∘C. The cells were dehydrated
through a series of increasing concentrations of ethanol and
dried using hexamethyldisilazane (HMDS). Samples were
coated with amorphous osmium and observed with SEM.
TheGNU imagemanipulation program (GIMP2) and ImageJ
software were used to calculate an individual cell area on each
sample. The cell proliferation was examined after culturing
for 5 days. The culture condition was aforementioned. The
cell number on the sample was measured with a microplate
reader (SUNRISE Remote, TECAN, Switzerland) using a Cell
Counting Kit-8 (Dojindo, Japan), following its instruction.
The number was counted by measuring the absorbance of
the resulting medium at 450 nm. Results represent the mean
values of three samples. Thermanox was used as a control
sample. Differences between groups were determined by
Student 𝑡-test with values of 𝑃 < 0.05 considered statistically
significant.

3. Results and Discussion

3.1. Surface Characterization. Figures 1(a)∼1(e) show appear-
ances of TNTZ before and after the heat treatments. The
samples heat-treated at 1000∘C exhibited white colour, while
that heat-treated at 900∘C showed gray colour. The results
of colorimeter analysis followed this; Figure 1(f) is a typi-
cal spectral reflectance of the TNTZ before and after the
heattreatment at 1000∘C for 0.5 hr against wavelength within
the range of visible light (400–800 nm). Reflectance value
of the oxidized surface was within 60–80% in the entire
visible light range,whereas themetal surfacewas around 20%.
Generally, the higher the reflectance, the higher brightness
can be obtained. Thus, the oxidized layer is much brighter
than the metal surface. In addition, reflectance curve of the
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Figure 5: Cross-sectional SEM images of TNTZ. (a) Heated at 900∘C for 0.5 hr, (b) heated at 900∘C for 1 hr, (c) heated at 1000∘C for 0.5 hr,
and (d) heated at 1000∘C for 1 hr. Black arrow: oxidized layer. White arrow: gap formed after the elimination of oxidized layer through sample
preparation.

oxidized surface was smooth convex upward and the max-
imum reflectance appeared at around 550∼600 nm, where
it includes wavelength component of green-yellow-orange
colour. This indicates that oxidized surface colour is slightly
yellowish white.

XRD patterns (Figure 2) demonstrated that the oxidized
layers were formed onTNTZ andCPTi samples after the heat
treatments. The oxidized layers formed on TNTZ consisted
of TiO

2
(rutile), TiNb

2
O
7
, and TiTa

2
O
7
. The peak intensities

corresponding to these oxidized phases increased with the
increase in the treatment temperature and time; especially
no 𝛽-Ti peak, which comes from the original TNTZ, was
observed on the patterns of the samples heated at 1000∘C.This
should be due to the change in the oxidized layer thickness.
TiO
2
(rutile) was predominantly formed on CP Ti after the

heat treatment at 1000∘C for 1 hr. It is difficult to identify
TiTa
2
O
7
phase formation on TNTZ by XRD, since both

TiNb
2
O
7
and TiTa

2
O
7
have similar crystal structure and Ta

amount in the alloy is small. However, Ta was not detected
by EDS in the oxidized layer. Thus, we are in doubt about
TiTa
2
O
7
formation. If any, Ta could exist as Ti(Nb, Ta)

2
O
7

phase since Nb and Ta form complete solid solution [15].
Figure 3 shows SEM images of TNTZ surfaces before

and after the heat treatments. Linear grooves with ∼1 𝜇m
in size formed by polishing were observed on all samples.
Particles with several hundreds nm in size were formed on
the whole surface (in the grooves as well) of all samples after

the heat treatment. Their sizes increased with the increase in
the treatment temperature and time. As shown in Figure 4, in
the case of CP Ti sample, rod-shaped particles with ∼1𝜇m in
sizewere formed on thewhole surface after the heat treatment
at 1000∘C for 1 hr. The difference in the particle size between
TNTZ and CP Ti was contributed by chemical components;
TiNb
2
O
7
andTiTa

2
O
7
precipitation suppressed the growth of

main phase (rutile) during the heat treatment in the case of
TNTZ.

The cross-sectional SEM images (Figure 5) demonstrated
that the oxidized layers remained on the TNTZ substrate
heat-treated at 1000∘C, while they were eliminated from the
surfaces heat-treated at 900∘C through the sample prepa-
ration for the SEM observation. The reason why the layers
on the samples heat-treated at 900∘C were eliminated was
unclear; however, thermal stress at the interface due to dif-
ference in their coefficients of thermal expansion is probably
concerned with it. On the other hand, the elimination was
suggested to be caused by the processing of SEM observation,
such as cutting, polishing, and keeping in vacuum. In any
case, the oxidized layer formed by the heat-treatment at
1000∘C was found to possess better adhesion than that
formed at 900∘C. Elimination behavior of the oxidized layer
during oxidation, its bonding strength, and hardness will be
discussed in another paper. The oxidized layer thicknesses
were found to be∼10𝜇mfor the samples heat-treated at 900∘C
and ∼30 𝜇m for one heat-treated at 1000∘C, respectively.
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Figure 6: SEM images of cells cultured on TNTZ or CPTi surfaces. (a) As-prepared TNTZ, (b) as-prepared CPTi, (c) TNTZ heated at 1000∘C
for 1 hr, (d) CP Ti heated at 1000∘C for 1 hr, and (e) control sample (Thermanox).

This difference in the layer thickness may contribute to the
change in the appearance colour (Figure 1).Thus, TNTZheat-
treated at 1000∘C for 1 hr was used for the subsequent surface
characterization and cell culture tests.

Table 1 shows the surface properties, average roughness,
and wettability of TNTZ and CP Ti samples before and
after the heat treatment at 1000∘C for 1 hr. The roughness
increased and the contact angle decreased after the heat
treatment in both cases of TNTZ and CP Ti. It was reported
that contact angle of rutile powder was about 4∼5∘ [16]. The
increased wettability may be due to the increased roughness
and TiO

2
contained in the oxidized layer. Surface wettability

largely depends on surface energy [17]. According to the
literatures [18], hydrophilic Ti has higher surface energy
than the hydrophobic one and resulted in more rapid cell
activation and differentiation.

3.2. Cell Attachment and Morphology. Some metallic ions
released from implant materials have been reported to

Table 1: Average roughness (Ra) and wettability of TNTZ and CP
Ti before and after heat treatment.

Sample Ra (𝜇m) Contact angle (∘)
TNTZ 0.62 53.7
CP Ti 0.58 50.3
Heat-treated TNTZ (1000∘C 1 hr) 1.97 3.7
Heat-treated CP Ti (1000∘C 1 hr) 1.74 5.9

influence cell functions [19–22]. The results of ICP-AES
demonstrated that no ions were released from the heat-
treated TNTZ in the cell culture medium. The SEM images
of the cells (Figure 6) demonstrated that they spread on all
sample surfaces in 1-day culture and possessed spindle and
branched shapes. More spindle-shaped cells were observed
on as-preparedCPTi surface than the other samples. Figure 7
shows the individual cell area calculated using the SEM
images. The area of TNTZ was larger than that of CP Ti
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Figure 8: Live cell numbers on TNTZ samples after 5-day culture.
Control: Thermanox. Heat treatment condition: 1000∘C, 1 hr.

regardless of the heat treatment for the samples, which
indicates that the cells will spread on TNTZ. The area of the
heat-treated samples was larger than that of the as-prepared
one in both cases of TNTZandCPTi samples, while therewas
no significant difference in the values in the case of TNTZ.
The cells on TNTZ surface maintained higher performance
than that on CP Ti even after the oxidized layer coating.
Figure 8 shows the live cell numbers on TNTZ samples
after 5-day culture. The number of the heat-treated sample

was slightly larger, while there was no significant difference
in the numbers between the as-prepared and heat-treated
samples. Hence, there was no deterioration in the in vitro cell
compatibility of TNTZ after the oxidized layer coating by the
heat treatment. In future work, human osteogenic cells will be
used for the cell compatibility test instead of MC3T3-E1 cells
to simulate in vivo conditions better.

The slight increase in the cell spreading area (Figure 7)
and the live cell number (Figure 8) on the heat-treated
samples may be due to their larger roughness and higher
wettability. The cell morphology and cytoskeletal formation
have been reported to relate to subsequent events, such as
proliferation and differentiation [9–14]. This could be regu-
lated by the activity and interaction of protein associated with
cytoskeleton and focal adhesion. For example, the adsorption
of fibronectin, which is one of extracellular matrix proteins,
was reported to be favoured on hydrophobic surfaces and
influenced by the substrate surface roughness [11]. Changes
in cell morphology were reported to be significant in the
regulation of the Hippo pathway which plays an important
role in regulation of cell proliferation [23]. Stress fibers
inhibit the Hippo pathway upstream of or at Lats which is
one of the protein kinases in cell membrane, resulting in
the upregulation of cell proliferation. The flat and spread
morphology of cells promotes the formation of stress fibers
(F-actin). The cell activity on the oxidized layer formed on
TNTZ will be investigated in detail in future work.

4. Conclusion

The white-coloured coating consisting of the oxidized layer
was prepared on TNTZ discs by heat treatment in air to
achieve the formation of aesthetic surface on them for dental
application. TNTZ has excellent mechanical properties and
biocompatibility. The oxidized layer formed by the heat
treatment at 1000∘C was white-coloured and joined to TNTZ
substrate more strongly than that formed by the treatment
at 900∘C. The particles with the size of several hundreds nm
containing TiO

2
(rutile), TiNb

2
O
7
, and TiTa

2
O
7
were formed

during the treatment.The layer thickness was ∼30 𝜇m for the
sample heat-treated at 1000∘C.The surface average roughness
and the wettability increased after the heat treatment. The
spreading and proliferation level of MC3T3-E1 cells on the
heat-treated sample were almost the same as those on as-
prepared one.Hence, therewas nodeterioration in the in vitro
cell compatibility of TNTZ after the oxidized layer coating by
the simple heat treatment.
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[22] A. Hoppe, N. S. Güldal, and A. R. Boccaccini, “A review of the
biological response to ionic dissolution products from bioactive
glasses and glass-ceramics,” Biomaterials, vol. 32, no. 11, pp.
2757–2774, 2011.

[23] K.-I. Wada, K. Itoga, T. Okano, S. Yonemura, and H. Sasaki,
“Hippo pathway regulation by cell morphology and stress
fibers,” Development, vol. 138, no. 18, pp. 3907–3914, 2011.



Hindawi Publishing Corporation
Advances in Materials Science and Engineering
Volume 2013, Article ID 328763, 8 pages
http://dx.doi.org/10.1155/2013/328763

Research Article
Interpenetrating Polymer Network Hydrogels
Based on Gelatin and PVA by Biocompatible Approaches:
Synthesis and Characterization

Eltjani-Eltahir Hago1 and Xinsong Li2

1 Department of Chemistry and Chemical Engineering, Southeast University, Nanjing 210096, China
2 School of Chemistry and Chemical Engineering, Southeast University, Nanjing 211189, China

Correspondence should be addressed to Eltjani-Eltahir Hago; eltjanihago@gmail.com

Received 14 March 2013; Revised 29 May 2013; Accepted 31 May 2013

Academic Editor: Delia Brauer

Copyright © 2013 E.-E. Hago and X. Li.This is an open access article distributed under the Creative CommonsAttribution License,
which permits unrestricted use, distribution, and reproduction in any medium, provided the original work is properly cited.

In this work, a new approach was introduced to prepare interpenetrating polymer network PVA/GE hydrogels by cross-linking
of various concentration gelatin in the presence of transglutaminase enzyme by using the freezing-thawing cycles technique. The
effects of freezing-thawing cycles on the properties of morphological characterization, gel fraction, swelling, mechanical, andMTT
assay were investigated.The IPN PVA/GE hydrogels showed excellent physical and mechanical Properties. MTT assay data and the
fibroblasts culture also showed excellent biocompatibility and good proliferation. This indicates that the IPN hydrogels are stable
enough for various biomedical applications.

1. Introduction

Polyvinyl alcohol (PVA) hydrogels are a gel polymer known
for the quality of biocompatibility that have been used in
many biomedical applications, for example, as implants [1],
artificial devices [2], contact lenses [3], drug delivery devices
[4], and also wound dressings [5–7]. The following methods
were used on a large scale: chemical cross-linking [8]; glutar-
aldehyde as the cross-linking agent [9]; cross-linking through
𝛾 radiation [10, 11], ultraviolet radiation [12], and by using
cycles of freezing-thawing of successive [13, 14]. The last one
is very convenient and biocompatible, while the molecular
bonds (hydrogen bonds), which form through the freezing-
thawing process of aqueous solutions of PVA, act as an
efficient crosslinks [15].

The extent of poly(vinyl alcohol) (PVA) hydrogels for
various biomedical applications has been realized because of
their excellent biocompatibility and chemical stability. The
freezing-thawing techniques used in the preparation of the
PVA hydrogels showed good mechanical strength and have
been examined for use as intervertebrate disk intended [16],
artificial meniscus [17], and a contact lens [18, 19]. How-
ever, manufactured polymers, due to the lack of bioactive

moieties, have no biological activity compared with natural
polymers. The concept of integrating artificial materials with
cell locations approved sites of naturally derived materials is
very attractive. To achieve this result, efforts were made to
incorporate cell adhesion of synthetic biomaterials [20].

Gelatin (GE) is a protein produced by partial denatu-
ralization of collagen extracted from the bones, connective
tissues, organs, and some intestines of animals such as domes-
ticated cattle, porcine, and horses. Gelatin presents biological
activities because of the natural origin, which makes it suit-
able for use of an ingredient of wound dressing, scaffolds for
tissue engineering, and drug delivery carriers. Gelatin hydro-
gels are common for the applications in medical areas [21].
Hydrogels are insoluble hydrophilic polymers having a high-
water content and tissue likemechanical properties thatmake
them highly attractive scaffolds for implantation in empty
tubular nerve prosthesis or for direct injection at the lesion
site to enhance cell attachment and growth. Gelatin hydro-
gels have often crossed-linked by chemical approach using
crosslinks, such as glutaraldehyde, to improve elasticity, con-
sistency, and stability. However, the chemical cross-linker
may lead to toxic effect on physiological environment, due
to the presence of residual crosslinks. Therefore, it is highly
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demanded to develop biocompatible mild cross-linking
methods to prepare hydrogels [20].

Transglutaminases are widely distributed in various or-
ganisms, including vertebrates, invertebrates, plants, and mi-
croorganism, and are reportedly responsible for certain bio-
logical events such as epidermal keratinization, blood coagu-
lation, and regulation of erythrocytemembranes. Amicrobial
transglutaminase isolated from the culture medium of Strep-
toverticilliummobaraense has become commercially available
[22]. Unlike TGases from many sources, the mTG possesses
many features, including Ca2+ independence, a broader sub-
strate specificity for acyl donors, a smaller molecule size, and
a higher reaction rate, which makes them suitable for indus-
trial applications. Currently, this mTG has been successfully
applied in the food industry for improving the physical prop-
erties and texture of protein-related foods [23].More recently,
the use of mTG to modify gelatin has also been reported [24,
25].The enzymatic cross-linking is a biocompatible approach
to enhance the mechanical properties of gelatin hydro-
gels. An interpenetrating polymer network (IPN) is a com-
posite of polymers, exhibiting varied characteristics, which
is obtained when one polymer network is synthesized or
cross-linked independently in the instantaneous presence on
the other [26]. The IPN is a combination of at least two
polymer chains each in network form, which is synthesized
and/or cross-linked in the immediate presence on the other
without any covalent bonds between them [27] or the two or
more networks can be envisioned to be entangled in such a
way that they are concatenated and cannot be pulled apart
but not bonded to each other by any chemical bond [28].
Many researchers have been focusing on the development of
polymer blends with IPN structure. Recently, hydrogels with
IPN structure have attracted much attention because of their
potential application in the biomedical area. Kurokawa et al.
invented double network hydrogels with superior toughness
[29].

In this paper, a new approach was introduced to prepare
interpenetrating polymer network PVA/GE hydrogels by a
combination of enzymatic and physical methods, used freez-
ing-thawing process, and in situ with synthesis of gelatin/
mTG in PVA solution. The influence on the contents and
dispersed condition of gelatin in PVAmatrixes on the hydro-
gels mechanical strength was investigated in order to obtain
applicable hydrogels. The morphology and crystalline struc-
tures of interpenetrating polymer network PVA/GEwere also
observed by some experimental analysis techniques, such as
scanning electronic microscope (SEM). Moreover, in order
to understand the initial behavior of fibroblasts cells, prolif-
eration was assessed in vitro using fibroblast like L 929 cell
culture.

2. Experimental

2.1. Materials. PVAwith a degree of polymerization of 1750±
50 and hydrolysis degree values of greater than 99% was
purchased from Beijing Organic Chemical Plant, China. Gel-
atin (GE) (type A, 300 bloom from porcine) was obtained

Table 1: Composition of IPN PVA/GE hydrogels.

Hydrogels IPN-1 IPN-2 IPN-3 IPN-4
Gelatin %w/v 0 2 5 7
PVA %w/v 15 15 15 15
The concentration of mTG at a range of 5–20U/mL.

(Sigma-Aldrich, St. Louis, MO, USA).The source of transglu-
taminase was the commercial product obtained from Yiming
Biological Products Co., Ltd. (Jiangsu, China). As determined
by a colorimetric hydroxamate method [30], the enzyme ac-
tivity of mTGwas 102 (U/g) of powder. All other regents used
in the paper were of analytical grade.

2.2. Moisture Determination of Gelatin. In order to know the
accurate concentration of the gelatin solution prepared sub-
sequently, it is necessary to know the moisture content of the
gelatin. The moisture of gelatin was determined according to
Chinese standards GB/T 5009.3-2003 [31].

2.3. Preparation of Gelatin and mTG Blends. A concentrated
gelatin solution was prepared by adding 50 gm of gelatin to
100mL of warm deionized water and mixing at 50∘C until
the protein was dissolved. Aliquots from this concentrated
gelatin solutionwere thenmixed with deionized water to pre-
pare solutions with differing gelatin concentrations (0%, 2%,
5%, and 7%w/v). The gelatin solutions were stored at 4∘C. A
concentrated enzyme solution was prepared for each experi-
ment by mixing 0.5 gm of mTG per 5mL of deionized water
at room temperature.This enzyme solution was stored at 4∘C
until it was ready for use.

2.4. Preparation of IPN PVA/Gelatin Hydrogels. IPN PVA/GE
hydrogels were prepared by cyclic freezing-thawing method.
For this purpose, aqueous solutions containing 15% byweight
PVA with different amounts of gelatin, (i.e., 0%, 2%, 5%, and
7%) by weight, were used.The (15%w/v) of PVA solution was
prepared at 95∘C. A varying amount of solution’s gelatin
and mTG was mixed slowly to the PVA solution at room
temperature to induce cross-linking. The mixture was cast
between glass slides with 3mm thick spacers then incubated
at 45∘C for 4 h to achieve complete cross-linking. Then,
they were physically cross-linked by three freeze-thaw cycles,
which consisted of freezing at −20∘C for 24 h and thawing at
room temperature 21∘C for 24 h, respectively, to produce IPN
hydrogels. The IPN hydrogels films had a thickness of 3mm.
Table 1 shows the composition of IPN PVA/GE hydrogels.

2.5. Morphological Characterization. For morphological
characterization, hydrogels after swelling (equilibrium) in
waterwere freeze-dried using a freeze drier (Christ, Germany,
Alpha 1-2) at −52∘C for 12 h. Transverse sections were cut
from freeze-dried film samples using a cold knife. Samples
were then examined by a scanning electronmicroscope (SEM
JSM-6360LV, a voltage of 20KV, China). The working face of
the samples was sprayed with gold in advance. The observed
morphologies for each SEM fractograph were analyzed using
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Sigma Scan Pro software. Quantitative analysis of the pore
size was obtained from structural indices measured from
scaffold samples. The density of the solid material (film)
was calculated according to the mass fractions (𝑀

𝑥
where

𝑥 refers to the constituent material) and densities of the
constituent materials (𝜌

𝑥
), by assuming that the total mass

and volume remain the same before and after reaction [32],
using (1)

𝜌
𝑠
= [

(𝑀PVA +𝑀GE +𝑀mTG)

[(𝑀PVA/𝜌PVA) + (𝑀GE/𝜌GE) + (𝑀mTG/𝜌mTG)]
] . (1)

2.6. Gel Fraction. The weight ratio of the dried hydrangeas
in rinsed and unrinsed conditions or gel fraction can be
assumed as an index of the degree of cross-linking.Therefore,
the gel fraction of samples can be calculated as follows (2):

Gel fraction (%) = (
𝑊
𝑓

𝑊
𝑖

) × 100, (2)

where 𝑊
𝑓
and 𝑊

𝑖
are the weights of the dried hydrogel

after and before rinsing and extraction. To perform gel
fraction measurement, preweighed slice of each sample was
dried under vacuum at room temperature until observing
no change in its mass. Nearly identical weight of another
slice of the same sample was immersed into excess of dis-
tilled water for 4 days to rinse away amorphous or soluble
part. Subsequently, the immersed sample was removed from
distilled water and dried at room temperature under vacuum
until the dried mass showed constant weight.

2.7. Equilibrium Degree of Swelling and Equilibrium Water
Content. For swelling experiments, the vacuum-dried films
were immersed in excess distilled water at room temperature
(∼30∘C) until reaching to an equilibrium state. Then, the
swelled samples were withdrawn from distilled water and
weighed after gentle surface wiping using absorbent paper.
The equilibrium degree of swelling (EDS) and equilibrium
water contents (EWC) were calculated, respectively, as fol-
lows [33]:

EDS (%) = [
(𝑊
𝑠
−𝑊
𝑑
)

𝑊
𝑑

] × 100,

EWC (%) = [
(𝑊
𝑠
−𝑊
𝑑
)

𝑊
𝑠

] × 100,

(3)

where 𝑊
𝑠
is the swollen weight of the sample of the equi-

librium state and𝑊
𝑑
is the final dry weight of the extracted

sample.

2.8. Mechanical Properties. The samples were cut into a slice
shape with a thickness of 3mm and their mechanical prop-
erties, including tensile strength at break, were determined.
The mechanical properties were measured at a temperature
of 17∘C and humidity of 60%, at a crosshead speed of 50.000
(mm/min) using Instron tester—4466, type: 42/43/4400.
The elastic moduli of the IPN PVA/GE hydrogels were
determined by performing constant strain-rate compression
measurements on an Instron 4466 mechanical tester at room

temperature. The hydrogel sample, 15mm in diameter and
10mm in height, was tested at a rate of 5.000 (pts/secs) and
humidity of 40%, at a crosshead speed of 1.5000mm/min.The
results are expressed as mean value ± standard deviation with
the confidence level of 95%.

2.9. Cell Viability Assay. Cellular survivability evaluation
against cross-linked PVA, GE, and IPN PVA/GE blend has
been evaluated by MTT (3-[4,[5-dimethylthiazol-2-yl]-2,5-
diphenyl tetrazolium bromide) assay [34]. This standard test
method is based on exposing L929 cells to the fluid extract
of the test materials and control materials. The extract
solution of the PVA, GE, or cross-linked IPN PVA/GE blend
was prepared according to the protocol as outlined in ISO
10993 [35]. In brief, to determine the cytotoxicity of oste-
oblast-like L929 cells on the IPN hydrogels samples, samples
were incubated with DMEM media at 37∘C for 72 h in an
incubator.The extract solutions were diluted serially with the
media (0%, 12.5%, 25%, 50%, and 100%). For the control,
100% media were used to compare among the dilution, and
then, 200mL of extracting and diluted solution was added
in a 96-well plate. The 96-well plate was previously (24 h
before adding the extract solutions) incubated and coated
with fibroblasts cells (1 × 104 cells/well). The plate was then
incubated in a CO

2
incubator at 37∘C for 1 day, 3 days, and 5

days. InMTT, assay cell survivability ismeasured through the
production of purple colors by the reaction of dehydrogenase
enzymes of living cells and MTT. Metabolically active and
viable cells produce mitochondrial dehydrogenase enzymes
during incubation in media, which can be read out through
the change of color intensity by a spectrophotometer. The
optical density (OD) corresponds to the viable cell numbers.
Therefore, cell survival and proliferation at the different dilu-
tions and time points were quantified by adding 100 𝜇L of the
MTT solution (20𝜇g/100mL) to each of the wells. After 4 h
of incubation, the OD values of the solution were measured
using an BIORAD reader (Model 680, Microplate reader) at
a wavelength of 595 nm.

2.10. Optical Microscope Study. In order to observe directly
whether the viable cell numbers increases after treating the
osteoblast like L929 cells with sample extracts after three
freezing-thawing cycles and day 5, an inverted light micro-
scope (Olympus, 1 × 71) attached with LCD monitor was
used. After 70–80% confluent growth in the subculture flask,
cells were trypsinized (0.25% Trypsin-EDTA), detached, and
counted. Approximately, 1 × 103 cells/mL media was pipette
into the wells of a Microtiter plate containing 24 wells. The
plate was then incubated in a CO

2
incubator (5% CO

2
, 37∘C)

for 24 h. after seeding cells into the wells of Microtiter plates,
media were removed carefully and replaced with the extract
solution of the samples, and theMicrotiter platewas kept back
into the CO

2
incubator either for 5 days. After finishing each

of the incubation periods, cell growth in the Microtiter plate
was observed using an inverted light microscope.

2.11. Statistical Analysis. All experiments were done in trip-
licate, and the results were expressed as mean ± SD, and the
meanswere analyzed by one-wayANOVAat a𝑃 value of 0.05.
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3. Results and Discussion

3.1. Moisture of Gelatin. The result ofmoisture in gelatin used
in the study is 11.51%. As the gelatin solutions were prepared,
the moisture content of the gelatin was taken into account.

3.2. Morphological Characterization. In applied freezing-
thawing process, the structure of the PVA and PVA/GE IPN
hydrogels was determined by SEM.The densities of the cross-
linked IPNhydrogels containing gelatin contents from0wt.%
to 7wt.% were investigated by density measurement, SEM.
Tables 2 and 3 show the densities of IPN PVA/gelatin-mTG
films (𝜌

𝑠
) calculated by (1). The density of the IPN PVA/

gelatin-mTG hydrogels was found to increase monotonously
with increasing the gelatin content, namely, from 1.45Mgm−3
to 1.49Mgm−3. Figure 1 shows the scanning electron micro-
graphs of transversal sections of the films after 1 (Figures
1(a1), 1(a2), 1(a3), and 1(a4))) and 3 (Figures 1(b1), 1(b2),
1(b3), and 1(b4)) freezing-thawing cycles. These micrographs
show that increasing the concentration of gelatin blends and
number of freezing-thawing cycles results in higher network
arrangement, which leads to porous structure on the surface
of IPN hydrogels. The internal porosity of samples shows
significant correlation between number of freezing-thawing
cycles, the chemical structure of additive and the pore size,
and arrangement. Before adding the gelatin/mTG blends as
modifying agent to PVA blend, the PVA hydrogel produced
smooth structured films and exhibits a few irregular pores,
and the morphology is not significantly changed as com-
pared to the IPN PVA hydrogel Figures 1(a1) and 1(b1). As
illustrated in Figures 1(b2), 1(b3), and 1(b4), IPN hydrogels
after 3 freezing-thawing cycles shows highly irregular porous
structure with the large pores size in the range of 50–100𝜇m.
Figures 1(a1) and 1(b1) after 1 and 3 cycles showed a fewer and
smaller pore size in the range of 5–10 𝜇m, as a consequence
of the preparation technique. In the freeze-thaw process, pore
size is in fact controlled by the size of the ice crystals, which
could be adjusted by varying the rate of freezing. In Figures
1(a2), 1(a3), and 1(a4), IPN hydrogels after 1 cycle showed
lower and smaller irregular porous size structure in the range
of 20–40𝜇m than those obtained with Figures 1(b2), 1(b3),
and 1(b4). More significant change in sample morphology is
observed after introducing the gelatin/mTG and increased
the cycles as cross-linking agent. Therefore, it might be an
optimum candidate for biomedical applications. In the films
produced with PVA/GE mixtures, the presence of cracks and
empty spaces increased with an increasing proportion of
gelatin in the mixture.

3.3. Gel Fraction. Enzymatic cross-linking of gelatin and
cyclic freezing-thawing of pure PVA leads to the formation
of insoluble and entangled polymeric network in the IPN
PVA/GE hydrogels. A typical dependency of the gel fractions
to the quantity of gelatin incorporated into hydrogels is given
in Tables 2 and 3 using (2). As seen, the gel fraction of sam-
ples is increased by increasing the number of freezing-thaw-
ing cycles and amounts of gelatin up to 7 (%) by weight after
(1 and 3) cycles. For example, the gel fraction of IPN hydrogel
increases to 74 (%) by adding 7% weight of gelatin after three

cycles comparedwith the other IPN hydrogels after one cycle.
On the other hand, Tables 2 and 3 exhibit a semilinear rela-
tionship between gel fraction, number of freezing-thawing
cycles, and gelatin weight fraction in mixture hydrogels. The
increase of the gel fraction may be attributed to the enzy-
matic cross-linked gelatin and the additional interactions
between PVA and gelatin; besides, the bonds existed between
PVA long neighboring chains induced crystallization, which
caused an increase in gel fraction.

3.4. Degrees of Swelling and Water Content. In this work,
the equilibrium degree of swelling (EDS) and equilibrium
water content (EWC), as important swelling characteristics
of hydrogels, were calculated using (3). These characteristics
indicated the ability of absorption of fluids and exudates.
Tables 2 and 3 demonstrate EDS and EWC of IPN PVA/GE
hydrogels as a function of the amount of gelatin and the
number of freezing-thawing cycles. Both parameters showed
nearly similar decreasing trends by increasing the quantity
of the gelatin content and the number of freezing-thawing
cycles. The samples treated for three freeze-thaw cycles
showed a much more swollen structure than others treated
with one freeze-thaw cycle. The highly swollen hydrogel rep-
resents a high tight structure and a higher degree of cross-
linking when compared with the hydrogels with lower swell-
ing ratio. The comparison of the EDS and EWC data for the
gel fraction values indicates that there is a logic relationship
between these swelling characteristics and gel fraction, that
is, more gel fractions lead to less EDS or EWC. Although the
swelling characteristics of IPN PVA/GE hydrogels decrease
due to presence of gelatin in comparison with pure PVA
hydrogel, it seems that there have been high enough swelling
capacity to be used as a suitable dressing even for healing
exudative wounds.

3.5. Mechanical Properties. As mentioned before, the main
interest in the production of IPN PVA/gelatin hydrogels is to
achieve the materials with better mechanical properties. The
investigated mechanical properties, that is, tensile strength,
as well as strain at break were found to depend on the
amount of gelatin and number of freezing-thawing cycles. As
expected, cross-linking led to an improvement in the tensile
strength. Based on these analyses, the composition of IPN
hydrogels and three freezing-thawing cycles was considered
the optimumconditions for the preparation of IPNhydrogels.
The irregular arrangement within PVA hydrogel modified
with gelatin/mTG after 3 freezing-thawing process (Table 3)
has strong influence on mechanical properties. Independent
of the enzymatic modification, the values for tensile strength
of the films produced from IPN PVA/GE mixtures was sig-
nificantly different varied as a function of the gelatin con-
centrations and number of freezing-thawing cycles in the
mixture Tables 2 and 3. Table 3 shows that the highest values
of compressive stress and tensile strength increases with
increasing the concentration of gelatin and number of freez-
ing-thawing cycles. It is observed that the tensile strength
for pure PVA is (0.41 ± 0.07MPa) and the elastic modulus
is (0.45 ± 0.60MPa). By addition of 2%w/v gelatin into
PVA blend, the tensile strength increases to (0.66±0.12MPa)
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Table 2: The properties of IPN PVA/GE hydrogels after one freezing-thawing cycle.

Samples IPN-1 IPN-2 IPN-3 IPN-4
Gel fraction (%) 25 ± 1.20 36 ± 1.35 49 ± 1.50 58 ± 1.65
EDS (%) 135 ± 4.50 132 ± 3.75 130 ± 3.45 130 ± 3.50
EWC (%) 45 ± 2.00 44.5 ± 2.25 42.5 ± 2.50 42 ± 2.75
Stress (MPa) 0.11 ± 0.14 0.15 ± 0.18 0.25 ± 0.24 0.28 ± 0.22
Strain (%) 18.23 ± 4.60 25.67 ± 7.80 34.56 ± 12.90 47.78 ± 14.65
Elastic modulus (MPa) 0.35 ± 0.45 0.41 ± 0.49 0.56 ± 0.62 0.65 ± 0.64
Tensile strength (MPa) 0.30 ± 0.05 0.42 ± 0.09 0.52 ± 0.15 0.58 ± 0.19
Solid density (𝜌

𝑠
) (Mgm−3) 1.13 1.20 1.29 1.34

Table 3: The properties of IPN PVA/GE hydrogels after three freezing-thawing cycles.

Samples IPN-1 IPN-2 IPN-3 IPN-4
Gel fraction (%) 44 ± 1.30 58 ± 1.60 67 ± 1.70 74 ± 1.90
EDS (%) 165 ± 3.50 158 ± 3.10 149 ± 2.80 142 ± 2.40
EWC (%) 62 ± 1.98 61 ± 1.92 60 ± 1.87 59 ± 1.82
Stress (MPa) 0.25 ± 0.12 0.43 ± 0.20 0.64 ± 0.34 0.67 ± 0.38
Strain (%) 25.50 ± 6.40 31.85 ± 10.50 48.64 ± 14.00 68.70 ± 17.50
Elastic modulus (MPa) 0.45 ± 0.60 0.45 ± 0.60 0.87 ± 1.75 0.98 ± 2.45
Tensile strength (MPa) 0.41 ± 0.07 0.66 ± 0.12 0.74 ± 0.16 0.75 ± 0.18
Solid density (𝜌

𝑠
) (Mgm−3) 1.27 1.45 1.47 1.49
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Figure 1: SEMmicrographs of the surface sections of PVA hydrogel and PVAwith additives: ((a1), (b1)) IPN-1 with 15% w/v PVA; ((a2), (b2))
IPN-2 with 2%w/v gelatin; ((a3), (b3)) IPN-3 with 5%w/v gelatin; ((a4), (b4)) IPN-4 with 7%w/v gelatin; after 1 and 3 of freezing-thawing
cycles, respectively. Scale bar (a1)–(a4): 100 (𝜇m); (b1)–(b4): 50 (𝜇m).
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with an elastic modulus of (0.80 ± 1.50MPa). The IPN hy-
drogels containing 7%w/v gelatin display the highest tensile
strength compared to the other samples. Table 2 shows a
tensile strength of (0.75 ± 0.18MPa) and the elastic modulus
is (0.98 ± 2.45MPa). The increment of elastic modulus and
tensile strength is attributed to an increase in rigidity, because
the IPN hydrogels a hard inorganic component. The extraor-
dinary asset value of strength at break for IPN hydrogels
is undoubtedly due to the presence of gelatin, which shows
higher gel fraction and more entangled structure in com-
parison with pure gel. To examine the correlation between
mechanical property changes and IPN hydrogels, constant
strain-rate compression tests were performed on the IPN
hydrogel in order to determine their elastic moduli. Rep-
resentative stress-strain curves of the IPN hydrogels are
presented in Tables 2 and 3.These results displayed the ability
of gelatin concentration and number of cycles to individually
affect the compressive modulus of hydrogels. Based on the
mechanical property results for our biocomposite IPNhydro-
gels which are able to attain high tensile strength, it is con-
cluded that there is an opportunity for applications as poten-
tial candidate for scaffolds tissue engineering.

3.6. Cytotoxicity of Photocrosslinked IPN PVA/GE Hydrogels.
TheMTT assay, which is a rapid, standardized, sensitive, and
inexpensive method to determine cell viability and prolifer-
ation or whether a material contains significant quantities of
biologically harmful extracts, is the first step used to screen
the biocompatibility of a biomaterials. The effect of PVA, GE,
uncross PVA/GE, and cross-linked PVA/GE IPN hydrogels
on viability (cytotoxicity) and proliferation of L929 cells was
examined using the MTT assay, which is a colorimetric assay
that measures the metabolic activity of viable cells. The cyto-
toxicities of L929 cells on the PVA, GE, uncross PVA/GE,
and cross-linked PVA/GE are shown in Figure 2. Based on
cytotoxicity results, a fairly acceptable viability of the cells was
observed on PVA (>88% at 100% extract solution), uncross
PVA/GE (>94% at 100% extract solution), and cross-linked
PVA/GE (>98% at 100% extract solution), while GE mem-
brane showed a slightly higher viability (109% at 100% extract
solution). Although the biocompatibility of GE was high,
the general survival rate of the cells for photocrosslinked
PVA/GE scaffold was satisfactory; therefore, the IPN pho-
tocrosslinked PVA/GE scaffolds were not toxic to the L929
cells and could be used for tissue engineering scaffolds.

3.7. Proliferation of Fibroblast Cells L 929 on IPN PVA/GE
Blend. The proliferation of fibroblasts on PVA, GE, uncross
PVA/GE, and cross-linked IPN PVA/GE blend was evaluated
usingMTT assay after 1, 3, and 5 days of incubation as shown
in Figure 3. A significantly higher cell proliferation (day 5)
in GE and PVA/GE blend compared to PVA was exhibited
in Figure 3. After 1 day, the number of cells had exceeded
the number of cells initially seeded (104 cells/well). As clearly
shown in Figure 3, the number of fibroblasts that grew was
greater than the number of cells initially seeded even after
only 3 days in culture. From 1 day to 5 days in culture, the
L 929 cells continually proliferated on including the cross-
linked IPN PVA/GE.
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tions. Media at 100% were used as a control. Standard errors were
expressed as bar diagram.
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Figure 3: Fibroblast cellular proliferation of PVA, GE, uncross
PVA/GE, and cross-linked IPN PVA/GE blend after 3 cycles and 1,
3, and 5 days using the MTT assay. Standard errors were expressed
in the bar diagram.Media at 100%were used as a control and optical
density (OD) corresponded to the cell survivability after 1, 3, and 5
days.

Cellular viability assay by MTT was used to find out
the percentage of viable cell numbers per extract dilutions
after certain periods. However, to observe the increased cell
numbers and their real time morphologies, light microscopic
studies were conducted. Observation of the morphological
changes of cells is a very importantmeans for predicting post-
cellular responses: spreading, proliferation, and survival.
An ideal scaffold must provide the contact guidance for
controlling cell adhesion and directing cell migration that
influences cell proliferation [36, 37]. Figure 4 shows the light
microscopic images of cells treated with extract solutions
for day 5. For the morphologies’ fibroblasts at day 1, only a
little amount of cells was observed. However, the amount of
cell numbers was found to increase gradually at day 5 for
all samples. Especially, at day 5, cellular growth was almost
confluent. However, in case of cross-linked PVA/GE com-
posed of cells, growth pattern was better than that of the
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Figure 4: Fibroblast cellular proliferation of uncross PVA/GE and cross-linked IPN PVA/GE blend after 1 ((a), (d)), 3 ((b), (e)), and 5 ((c),
(f)) days using the optical microscope observation.

uncrossing PVA/GE. In fact, this result corresponds with the
cell viability and proliferation results very well.

4. Conclusion

PVA/GE hydrogels with IPN structure were prepared suc-
cessfully by enzymatic and cyclic freezing-thawing method.
The size and arrangement of these pores are the result of
number of freezing-thawing cycles and the presence of cross-
linking agents. The IPN PVA/GE hydrogels have the highest
values of mechanical properties as evaluated from compres-
sion tests, also the cross-linking density showed the highest
values. The SEM micrographs of these hydrogels show that
the majority of the pores is opened and irregular.These inter-
actions become stronger with increasing number of freezing-
thawing cycles and results in more regular internal struc-
ture. The quantity of gelatin was the key factor to obtain
IPN PVA/GE hydrogels with desirable properties. The IPN
PVA/GEhydrogels showed excellent physical andmechanical
properties, which met the essential requirements for ideal
medical applications. Based on swelling measurements, they
exhibited high capability in absorbing fluid, so recommended
for exudative wounds. In addition, fibroblasts that grew over
the cells treated with extract solutions exhibited the appro-
priate morphology and displayed good proliferation; this
indicates that the cross-linked network structure of obtained
gels is stable enough, suggesting that developer scaffolds
might be used for tissue engineering applications.
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The corrosion resistance of laser-welded composite arch wire (CoAW) with Cu interlayer between NiTi shape memory alloy and
stainless steel wire in artificial saliva with different acidities and loads was studied. It was found that both the solution pH and the
stress had a significant influence on the corrosion behaviors of the CoAW samples. Decreasing the solution pH or increasing the
loading stress caused the increase of Cu release and weight loss. The corroded morphology formed on the surfaces of the CoAW
was the consequence under the combined effect of corrosion and stress.

1. Introduction

NiTi shape memory (Nitinol) alloy and stainless steel (SS)
are widely and successfully used as orthodontic wires, self-
expanding cardiovascular and urological stents, and so forth
[1–3]. However, Nitinol and stainless steel arch wires have
been used, respectively, in orthodontic clinical treatment all
along.Nitinolwire has a superelastic property after placement
in orthodontic bracket slot leading to less pain feeling of
patients and being less prone to root absorption, whereas its
stiffness is small causing the anchorage teeth move which has
a negative impact on orthodontic treatment. Though the
stiffness of SS wire could provide adequate anchorage, it is
difficult to be put into brackets with the addition of causing
significant pain and alveolar bone latent excavation of absorp-
tion due to its small flexibility [3–5].

Composite arch wire (CoAW) is an arch wire solder con-
nection made by Nitinol and SS wires. CoAW combines the
advantages of bothmaterials by virtue of correctingmalposed
teeth during the teeth alignment stage and at the same time
maintaining the stability of the antitooth. The application
of CoAW could not only effectively reduce the suffering of
patients and simplify therapeutic operation, but it can also
reduce the number of subsequent visits. However, successful
application of any advanced material depends not only on its
inherent properties, but also on the development of joining

technology for itself or other dissimilar materials [6]. There-
fore, laser weldingwas carried out to joinNitinol and SSwires
with pure Cu interlayer.The joint tensile strength (>520MPa)
and shape recovery ratio of Nitinol alloy HAZ (>98%) could
meet the requirements of clinical performance [7]. The
excellent mechanical properties of the new type CoAW
provide more and more possibility on orthodontic applica-
tion.However, there is still no clinical evidence to indicate the
potential carcinogenicity of orthodontic CoAW. Therefore,
the biocompatibility of orthodontic CoAW is very important
and worth further investigation.

The corrosion resistance of orthodontic wire is an impor-
tant factor determining its biocompatibility [8]. Previously,
there are many studies separately reported the corrosion
behaviors of Nitinol and stainless steel [9–11]. Huang found
that the SS wire showed higher pitting potential and wider
passive range than Nitinol wire [12]. Huang found that
decreasing the solution pH led to an increase in corrosion
potential, corrosion rate, and passive current of the Nitinol
wires [13]. The acidity changes can alter chemistry environ-
ment and biological processes around arch wires leading to
the variation of corrosion resistance. However, studies on
corrosion behavior of the new type orthodontic CoAW laser
welded by Nitinol and SS wires with Cu interlayer are still
missing.
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Figure 1: (a) Schematic diagram of laser welding; (b) device for applying 3-point bending forces to composite arch wire.

As a biomaterial like arch wire, the resistance to general
and localized corrosion, as well as the resistance of harmful
metal ions, is prerequisite for in-oral applications [14]. From
the dental application point of view, the load plays important
roles in the corrosion resistance of CoAW. Orthodontic arch
wires are oftenworking under continuous loading conditions,
especially when correcting the malposed teeth. The applied
forces might induce damage of the oxide film on the wire
surface, and the loss of protection could allow active metal
to react with the surrounding environment [15]. Wang et al.
studied the stress corrosion cracking (SCC) mechanism of
Nitinol wires in artificial saliva [16]. Liu et al. suggested that
the passive film was not stable under loading conditions, and
cracking of the passive film of Nitinol wires would occur
under continuous bending stress [17]. However, studies of the
corrosion behavior of CoAW which contains relatively frail
copper interlayer under stress are still missing.

Therefore, in this paper, the stress corrosion behaviors
of the CoAW laser welded by Nitinol and SS wires with Cu
interlayer in artificial saliva with different acidities and load-
ing force were studied.

2. Experimental Details

2.1. Materials and Samples Preparation. Ti-44.73wt. %Ni
SMA wire (purchased from Smart Co., Beijing), Fe-18Cr-8Ni
stainless steel (Grikin Advanced Materials Co., Ltd.), and
pureCu foil were used as basemetals in this investigation.The
dimensions of the wires are 30mm (length) × 0.64mm
(width) × 0.48mm (thickness). The pure Cu interlayer is
0.2mm of thickness. The base metal was ground using SiC
papers of nos. 800, 1200, and 2000 grit to remove oxide layer
and then ultrasonically degreased in acetone.TheNitinol and
stainless steel wire were fixed on a self-constructed fixture
by wire-to-wire butt with the pure Cu interlayer as shown in
Figure 1(a). An Nd : YAG laser welding system (JHM-1GY
300B) with the wavelength of 1064 nmwas used for the weld-
ing. The optimized laser parameters used in the study were
5.23 J (laser power), 6ms (welding time), and diameter of
0.5mm.

2.2. Test Solution Preparation and Stress Condition Implement.
The common physiological solution of 0.9% NaCl was pre-
pared as the chloride solution.The artificial saliva (AS) was a
phosphate buffered saline solution of the composition shown
in Table 1, and pH value was set to 6.75 and adjusted to pH
4.0 with lactic acid. A total of 10 groups (2 pH values AS and 5
loading conditions) were investigated for stress tests and each

Table 1: Modified Fusayama artificial saliva used in this study.

Composition mg/L
NaCl 400
KCl 400
CaCl2⋅2H2O 795
NaH⋅PO4⋅H2O 690
KSCN 300
Na2S⋅9H2O 5
Urea 1000

group contained 5 specimens. All the wires were mechan-
ically grinded using SiC papers up to no. 2000 grit and
ultrasonically cleaned in 95% alcohol and then rinsed with
double-distilled water.

The specimens were immersed in modified Fusayama
artificial saliva with different acidities andmaintained at 37∘C
for periods up to 28 days. A 3-point flexure fixture, made of
ceramic sheet, was used to apply a continuous bending force
that deflected the displacement of 1.0, 2.0, 3.0, 5.0mm as
shown in Figure 1(b).Thewireswere fixed in the solutionwith
a free length of 60mm. The unbent specimens were also
placed in the same designed vessel without applied force.

After 14 days of immersion, the solution was collected
and substituted by the new solution, and after 28 days
each retrieved sample was cleaned. Precision electronic bal-
ance (M2-P, Sartorius, Germany) was used to measure the
weight changes after soaking in artificial saliva. The collected
solutions were individually analyzed for copper using an
inductively coupled plasma-optical emission spectrometer
(ICP-OES,Optima 3300DV, Perkin Elmer, Boston,USA).The
detection limit of ICP-OES used in this study was 0.01 ppm
for copper ion.

2.3. Electrochemical Measurements. All the electrochemical
measurements were performed using a CHI 920C electro-
chemical workstation.The counter electrode was a rectangu-
lar platinum plate and the reference electrode was a saturated
calomel electrode (SCE). Additionally, the test solutions were
not deaerated before the electrochemical measurement. All
test samples were mechanically ground using SiC papers up
to no. 2000 grit to guarantee consistent surface roughness and
then embedded in cold-curing epoxy resin, exposing a sam-
ple surface area of 20 × 0.64mm2.

After an initial delay of 60min to accomplish the
equilibrium, the scanning rate was 5mV/s, starting from-1
V/SCE to remove the surface film heterogeneity. The cyclic
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Figure 2: (a) SEM surfacemorphologies of the welded composite arch wire; (b) EDS line analysis of the welded composite arch wire; ((c)–(g))
map EDS analysis of the welded composite arch wire.

potentiodynamic tests were conducted between −1000 and
+1500mV. Each test contained 3 specimens.

2.4. SEM Surface Morphology. The surface morphologies of
composite orthodontic wires were observed using environ-
mental scanning-electron microscopy (SEM, ZEISS EVO18,
Germany) equipped with an energy dispersive spectrometer
(EDS) analyzer (INCA-X-Max, UK).

3. Results and Discussion

3.1. Microstructure of the CoAW. Figure 2 shows surface
morphologies of the welding zone between the dissimilar
materials. It can be seen that the surface of the welding zone
was smooth and complete, free of any apparent pores or other
defects. According to themap EDS analysis, the welding zone
shows a heterogeneous composition. From stainless steel to
Nitinol side, the concentrations of Fe and Cr decrease and
the concentrations of Ti and Ni have an increased tendency.
Furthermore, Cu element distributes homogeneously in the
welding zone, Figures 2(b)–2(g).

3.2. Potentiodynamic Polarization Measurement. The effects
of chloride and pH on potentiodynamic polarization behav-
iors of CoAW are shown in Figure 3, and the detailed electro-
chemical parameters are listed in Table 2. It can be seen that
the cathodic section of the polarization curves comprised two
distinct stages. For the anodic polarization curves, the CoAW
exhibited a typical passive region up to the pitting potential in
the pH = 6.75 AS solution compared the other two solutions.
The passive region of the chloride solution polarization
curves was much smaller than the section of artificial saliva
polarization curves. The corrosion potentials remained very
similar as pH increased, whereas the pitting potential (𝐸pit) as
well as passive current densities of pH = 6.75 was higher than
that in pH = 4.0 solution.

3.3. Cyclic Potentiodynamic Polarization Measurement. In
order to evaluate the repassivation ability of CoAW in the
three categories of solutions, cyclic potentiodynamic polar-
ization measurements were carried out. Figure 4 presents
typical cyclic polarization curves of CoAWs in PH = 6.75,
4.0 artificial saliva, and 0.9% NaCl solution. In all the three
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Figure 3: Polarization curves for composite arch wires in different
solutions.

solutions, no obviously hysteresis loop occurred in the reverse
anodic scan. The reprotection potentials (𝐸prot) were much
higher than the free corrosion potentials (𝐸corr). Moreover,
the reprotection potential of the CoAW in the 0.9% NaCl
solution is a little lower than in the acid AS solutions.

The SEM images of the CoAWs after the cyclic potentio-
dynamic polarization measurement are shown in Figure 5.
It can be seen that the CoAWs in the 0.9% NaCl solution
were easily corroded compared to these in the artificial saliva
solutions.

3.4. Corrosion Tests with Applied Stress. After soaking in AS
at both pH 4.0 and 6.75 with different stresses, the typical
surface morphologies of CoAWs are shown in Figure 6.
Copper element release andweight loss are shown in Figure 7.
It can be seen that under both unstressed and stressed
circumstances, no obvious degradation occurred after 28 days
of immersion in artificial saliva, regardless of the pH value.
Furthermore, the interlayer part of stressed wires showed
more irregular surfaces than unstressed wires. With the
increase of applied loading force, the corrosive surface per-
formed rougher.The Cu release and weight loss increase with
the decrease in pH and increase in applied loading force.

3.5. Discussion. The biocompatibility of orthodontic arch
wire is thought to depend mainly on the host reaction
induced by the degradation of thematerial in bodily environ-
ment. The biologic response to metal is directly related to its
corrosion performance, which is associated with the protec-
tive oxide film on the surface [15]. CoAWs are subject to
mechanical stresses and deformation for tooth movement,
which might induce damage of the oxide film on the wire
surface and allow active metal to react with the surrounding
environment. Therefore, in this study, we investigated the
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Figure 4: Representative cyclic polarization curves of composite
arch wires in different solutions.

effect of bending stress and pH values on corrosion perfor-
mance of CoAW in vitro.

As indicated, different environments have important
effect on the corrosion performance of CoAW. The standard
and cyclic potentiodynamic tests were used to estimate the
corrosion behaviors in different solutions.The results of stan-
dard potentiodynamic polarization test are shown in Figure 3
and Table 2.The pitting potential (𝐸pit) is used to evaluate the
corrosion resistance. 𝐸pit represents conservative measures of
anodic pitting tendency because it showsminimum potential
below which pitting cannot be sustained [18]. The nearly
vertical stage at lower potential corresponds to the hydrogen
generation process, whereas the sloped region represents the
oxygen consumption process. The 𝐸pit of two acidities arti-
ficial saliva solution was higher than that of NaCl solution,
whichmay be due to the inhibitory effect of other ions in arti-
ficial saliva [19].The explanation of this phenomenon is based
on research showing that natural calcium phosphate lay-
ers will naturally form in complex simulated physiological
solutions due to certain inhibiting ions, such as CaCl

2
and

phosphate which would possibly act as further protective
barriers against the corrosion process [20]. Although the
pitting potential (𝐸pit) in pH = 6.75 was extended to higher
potential value comparedwith pH= 4.0, the pitting potentials
in both solutions were large. Therefore, the pitting corrosion
is not easy to occur. Decreasing the pH value leading to a
decrease in the 𝐸pit and passive range for composite arch wire
indicated that the pitting corrosion resistance and passivity
breakdown resistance of CoAWwere more susceptible to the
pH variation.With the increase in potential, themovement of
ions was controlled by the electronic potential rather than by
diffusion, where CoAW exhibited increase in current density
at the same point of pitting potential, indicating the abrupt
damage of the protective film was compatible with a passivity
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Figure 5: SEM surface morphologies of potentiodynamic polarized composite arch wires: (a) pH 4.0; (b) pH 6.75; (c) 0.9% NaCl.

Table 2:The pitting potential (𝐸pit), corrosion potential (𝐸corr) with
respect to SCE, and corrosion current density (𝐼corr) extracted from
potentiodynamic polarization curve.

Solution type 𝐸pit (V) 𝐸corr (V) 𝐼corr (𝜇A/cm
2)

pH = 4.0 0.121 (0.010) −0.628 (0.011) 1.38 (0.014)
pH = 6.75 0.260 (0.012) −0.641 (0.014) 1.02 (0.006)
NaCl 0.052 (0.008) −0.534 (0.016) 1.58 (0.011)

regime occurring before the breakdown potential. Addition-
ally, the corrosion current densities and passivation current
densities in the three solutions are similar, which means that
the value of corrosion current density attacking the entire
material rapidly is the same [21].

In Figure 4, there was a smaller hysteresis loop in the
polarization curve, which suggested that the CoAW did
not experience true localized corrosion in the experimental
solutions. Although it appears that there was an initial small
degree of pitting, this did not develop into large pitting
because the surrounding corrosion quickly eliminated it.The
reverse of the anodic potential in cyclic potentindynamic test
was scanned down to interact with the passive region. The
interaction at the passive region defined protection potential
(𝐸prot). Wilde reported that the difference between 𝐸pit and
𝐸prot can be correlated with the resistance to crevice corro-
sion. The higher difference between 𝐸pit and 𝐸prot means the
higher susceptibility of an alloy to crevice corrosion [22]. In
our study, the difference between 𝐸pit and 𝐸prot is small which

means lower susceptibility to crevice corrosion. Therefore,
regardless of the solution type, the transpassive region in
the polarization curves for composite wires was a result of
uniform corrosion. On the other hand, the 𝐸prot above the
corresponding 𝐸corr indicates that the specimens are capable
of repassivation when the passive film is damaged [23].
Transpassivation takes place with the generation of oxygen
gas accompanied by the anodic dissolution of a metallic ion,
which was copper ion in this study. The corrosion resistance
of copper in the interlayer is mainly dependent on the
oxidation product formed on the surface after the initial
corrosion. The copper corrosion kinetics, with the increased
coverage of the surface of the corrosion product, is mainly
decided by the surface concentration of adsorbed oxygen.
Generally, the corrosion process of Cu causes the increase of
pH value of solution, which would reduce the corrosion rate.
As a result, the corrosion performance of CoAW in pH =
4.0 artificial saliva is almost the same as the neutral saliva in
electrochemical and SEM results. However, more severely
damaged surface and spongy morphology were observed
on tested interlayer surfaces of composite wire in chloric
solution. The reason was stated in the proceeding part and
supported by the study of Kim and Johnson which showed
that Nitinol wire revealed extensive pitting and localized
corrosion after potentiodynamic polarization tests in 0.9%
NaCl solution [24].

Another important aspect of the biocompatibility behav-
ior of CoAWs is their corrosion performance under stress
condition in applications. Bending stress used in this study,
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Figure 6: SEM surfacemorphologies of unstressed and stressed composite arch wires immersed in artificial saliva with different pH: ((a)–(e))
pH = 4.0; ((f)–(j)) pH = 6.75.

unlike tensile stress, could cause homogenous deformation
of orthodontic wires which would start at an initial point
and propagate along the wires then allow body fluids and
tissues to touch the wire surface under the damaged oxide
layer. Rondelli and Vicentini found no effect of 4% strain on
the localized corrosion behavior of Nitinol wires [25]. Huang
mentioned that the applied tensile stress would not change
the corrosion resistance of as-received Nitinol wires in artifi-
cial saliva at both pH values 2 and 5 [12]. It was suggested that

the passive film of specimens would be damaged under bend-
ing condition more than under tensile stress. In this study
we simulate the real corrosion conditions to evaluate the
corrosion behavior of CoAW in orthodontic applications. An
electrolytic cell is formed between the stressed and unstressed
metal portions and grain boundaries of stressed metal are
most vulnerable to corrosion. The failure of the soldered
joint or the flaking away of a thin margin of metal would
occur due to stress corrosion [26]. As previously discussed,
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Figure 7: (a) Weight loss and (b) copper release of the composite arch wires in artificial saliva with different pH values.

the acid solution is easier to react with the CoAW than the
neutral solution. The Cu release and weight loss in the pH
= 4.0 solution is larger than that in the pH = 6.75 solution.
On the other hand, for the static corrosion test in which
the force displacement is 0, the Cu release and weight loss
is low. The reason is that the surface is protected by the
oxide layer. For the stress corrosion, the 3-point bending
method would induce buckling or cracking of the oxide
layer of interlayer part, and loss of this protection allows the
activemetal to react with surrounding environment.With the
increase of the applied loading force, more Cu release and
larger weight loss occurred in both pH= 4.0 and 6.75 artificial
saliva solutions.Theutmost weight losses and copper element
release of CoAW were under the condition of pH = 4.0 and
force displacement 5mm. The results come to an agreement
with conclusion of Liu et al. that the stressed Nitinol wires
exhibited substantial increase in nickel release comparedwith
the unbent specimens at different pH values AS [17].

As shown in Figure 6, both stressed and unstressed spec-
imens showed uniform corrosion but relative intact surface
in longer period of artificial saliva immersion. Under the
same applied force, the CoAW is more corrodible to the acid
artificial saliva.With the increase of the applied loading force,
the surface of the CoAW becomes rougher due to the break
of the oxide film under the bending force.

For clinical applications, the orthodontic arch wires have
dynamic conditions rather than static conditions, which pos-
sibly damage the passive film. The open metal surface would
react with the aggressive solution and release metal ions into
the surrounding environment.Wemust understand the stress
on corrosion behavior and ion release to ensure the stable
surface properties of CoAW in clinical use and reexamine the
loading conditions with respect to corrosion behavior. In
clinical applications, orthodontic wires would be used for
more than 1 month, and the continuous bending stress and
acidity variation would affect the properties of the passive

film of the composite wires. Therefore, the factor of stress
and acidity should be considered on the corrosion behavior in
the design and clinical use of CoAW and related-alloy wires.
The clinical application and performance improvements of
CoAWmust refer to the results of pH and stress corrosion.

4. Conclusions

Under the different experimental conditions of this study, the
following conclusions were drawn.

(1) Through the polarization test, the CoAW seems easily
occurred with uniform corrosion in the artificial
saliva solution. With the decrease of the pH, the
corrosion resistance becomes worse.

(2) The applied bending stress would break the oxide film
on the surface of the CoAW which leads to more Cu
release and larger weight loss. The most serious
corrosion occurred under the largest stress and lowest
pH value.

(3) The factor of stress and acidity must be considered on
the corrosion behavior in the design and clinical use
of CoAW and related-alloy wires.
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A dental crownmaterial, Nickel-Chrome-Molybdenum alloy, is manufactured using precision castingmethod from a polyurethane
foammodel in a regular and open-pore form, as a hard tissue implant for orthopedic applications.The samples produced have 10, 20,
and 30 (±3) pores per inch of pore densities and 0.0008, 0.0017, and 0.0027 g/mm3 densities, respectively. Samples were implanted
in six dogs and observed for a period of two, four, and six months for the histopathological examinations.The dogs were examined
radiologically in 15-day intervals and clinically in certain intervals. The implants were taken out with surrounding tissue at the end
of these periods. Implants and surrounding tissues were examined histopathologically in terms of biocompatibility. As a result, it
is seen that new bone tissue was formed, in pores of the porous implant at the head of the tibia in dogs implanted. Any pathology,
inflammation, and reaction in old and new tissues were not observed. It was concluded that a dental alloy (Ni-Cr-Mo alloy) could
also be used as a biocompatible hard tissue implant material for orthopedics.

1. Introduction

In recent years, many developments have taken place in
the field of orthopedics; the most important developments,
without doubt, are in the field of implantology. The materials
used in implantology are subjected to very hard conditions
in vivo [1, 2]. The properties of the material, design, and
method of fixation of the implant determine the performance.
Strength, fatigue, surface corrosion, allergic reactions caused,
and totally biocompatibility of the biomaterials used are the
main research subjects today [2–4].

Many different materials have been used as bone
implants. An ideal hard tissue implant must be fully com-
patible and biologically inert, be easy to be found, have
strength close to the bone strength, and should be accepted
or rejected by the patient’s tissue without infection. Biocom-
patible implants, because of their open-cellular structure,
permit the ingrowths of the new bone and transport of the
body fluids [5–7]. Serious problems are due to implant-bone
interphase in the field of implantology [4].Therefore, there is

a need to develop high biocompatible new implant materials.
Porous materials enable osseous tissue into the implant.
Investigations have shown that the average pore size of the
porous bone substitute material implanted must have pore
size to allow the advancement of the bone tissue ingrowth.
This size should be approximately 200 to 500𝜇m [6–8].
Metallic foams are new class of materials with extremely low
densities and unique combination of excellent mechanical,
thermal, electrical, and acoustic properties [7, 9]. It is espe-
cially attractive that the strength and the Young’s modulus of
the cellular materials can be adjusted through the adjustment
of the porosity tomatch the strength and theYoung’smodulus
of the natural bone. Hence it is indispensable to develop new
bone-substitute materials with high strength and appropriate
Young’s modulus to ensure the biomechanical properties of
the natural bones [7].

In the present study, a Nickel-based a Ni-Cr-Mo alloy
widely used in the construction of dental prostheses was used
to produce the samples by precision casting method [9–13]
with different open pore sizes. Furthermore, the usability as
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an orthopedic implant material and biocompatibility in vivo
conditions were investigated.

2. Materials and Methods

2.1. The Production of Implant Samples. Nickel-based alloys
are used as implant materials. The alloy which was used in
this study is commercially produced by theGerman company
Böhler. In Table 1, the chemical composition is given by the
manufacturer. In the production of the samples, a two-stage
casting method was used. In this method, the open cell
metal foams are produced by using polymeric foams. Here,
polyurethane foams with open pores in three different sizes
were used as a sample model. The produced sample models
have 10, 20, and 30 (±3) pores per inch (ppi) and 0.0008,
0.0017, and 0.0027 g/mm3 densities, respectively. Molds were
prepared by pouring precision casting plaster into the mold
cavities. Preparedmolds were heated for 1 hour at 1000∘C in a
thermocouple equipped oven for the preparation of precast.
In this way, the cast cavity has been created in the mold by
burning out polyurethane foams. Then the alloy is heated
up to 1410∘C and poured into molds by using a centrifugal
casting device. Molds were left to cool down and then were
broken and cleaned to remove the case. A sufficient number
of samples (Figures 1(a) and 1(b)) were produced in this way.

2.2. Preparation of Experimental Subject Materials. Six
healthy dogs were used as an experimental subject material of
different breed, age, sex, and weight 27 to 35 kg. Preventative
rabies vaccines, endo- and ectoparasitic drug applications
were performed prior to the operation. Soft tissue operation
sets, orthopedic sets, drill bit, and the curette were used for
operations.

2.3. Method. The anesthesia was performed with i.m. injec-
tion of 15mg/kg ketamine hydrochloride 10 minutes after
administration of i.m. 1.5mL/10 Xylazine hydrochloride
(Rompun, Bayer). The implants produced for the study were
applied to the proximal metaphysis of the tibia. A maximum
care was paid to asepsis and antisepsis procedures during the
study. The implants were applied to randomly selected tibias.
The skin incision was extended from the tuberosity of the
tibia to the crista tibialis. Following exclusion of the skin and
underlying tissues, the periosteumwas elevated performing a
2-3 cm incision. After lifting the periosteum with an elevator,
the bone cortex was perforated with an aid of a 5 diameter
Steinmann pin. The holes established in the bones were
readjusted to the implants’ sizes using different size drills and
bone curettes. For insertion the implants, some spongiosis
bone graft was removed from the window established in the
cortex with a curette and then they were carefully placed in
the defects performed (Figures 2(a) and 2(b)).

2.4. Postoperative Applications. Operation wound was closed
by the conventional operational techniques. All cases were
examined radiographically immediately after the operations.
Antibiotics were parenterally administered for five days in
order to prevent possible postoperative infections. The dogs

Table 1: Alloy chemical composition.

Content Mixing ratio
Nickel Bal.
Chromium 26.0
Molybdenum 11.0
Silicon 1.5
Carbon <0.05

Table 2: Average porosities of the samples by groups.

Samples
groups

(1) Sample
porous

average (%)

(2) Sample
porous

average (%)

(3) Sample
porous

average (%)

General
porous

average (%)
A 89.6 91 91.5 90.7
B 78.9 80.3 83.8 81
C 66.8 68.1 72.8 68.8

Table 3: General porosities by the pore sizes.

Samples
groups

Pore sizes
(ppi)

Solid
densities
(g/mm3)
(𝜌solid)

Porous
densities
(g/mm3)
(𝜌porous)

General
porosities
in percent
(𝜀) (%)

A 10 (±3) 0.0088 0.0008 90.7
B 20 (±3) 0.0088 0.0017 81
C 30 (±3) 0.0088 0.0027 68.8

were investigated radiographically and clinically checked in
fifteen-day intervals. The implants and surrounding tissue
were taken out with all tibias second, fourth, and sixth
months after the implantation, respectively. Implants with
surrounding tissue were fixed in 10% paraformaldehyde for
48 hours and then for decalcified were kept in 10% formic
acid for 15 days, dehydrated for one hour with water, and
embedded in wax. 4 micrometer thick sections were cut
by microtom and stained with haematoxylin-eosin. The
sections were viewed and photographed using a Kyowa-
Tokyo microscope.

3. Results

3.1. Materials Characterization. In this study, the densities
and average porosities of the samples produced in the
dimensions of 𝜙12 × 14mm with three different pore sizes
were calculated (Table 2). Pore size was determined by the
porous per inch (ppi). Since the samples have open pores,
the volume was found by liquid weighing method. Porous
densities (𝜌porous) were found from the relation betweenmass
(𝑚) and volume (V) given in (a).Then porosities in percent (𝜀)
were calculated by the formulae given in (b) by full densities
and porous densities of the samples. The solid density of
the alloy used, the pore sizes, porous densities, and average
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Figure 1: (a) Polyurethane foam model. (b) Produced sample.

(a) (b)

Figure 2: Placement of the sample.

percent porosities of the samples were given in Table 3 as
follows:

𝜌porous =
𝑚

V
, (a)

𝜀 = (1 −

𝜌
𝑝

𝜌
𝑠

) × 100. (b)

When percent porosity, densities, and porosity ratios
given in Table 3 were evaluated together, it is seen that
group A samples have maximum pore size and average pore
amount. The number of pore in inch in this group is 10 (±3).
These properties were adjusted by changing the diameter of
the wires connecting pores in polyurethane model before
casting. The samples in group B having a pore number of 20
(±3), the amount of pores decreases with regard to the one of
the group A samples. It is quite natural that porous densities
of the samples in the same dimensions decrease proportional
to the pore rates. The reason for the irregular change in the
average porosity of the samples in three different groups is
due to the difference in the branches of the wires among the
pores in models.

3.2. Radiography. Implants in vivo were radiographically
examined in 2th, 4th, and 6th postoperative months and
the graphs are given in Figures 3(a)–3(c). No pathologic

symptoms and reaction were observed within the implanted
area.

3.3. Macroscopy. In macroscopic examination of tibias in
postoperative 2, 4, and 6 months just immediately after
euthanasia, it was seen that the implant area and the pores
of the implant were covered by the bone tissue completely.
Figure 4 shows the pores full of bone tissue in the cross
sectional area of the implant.

3.4.Microscopy. In the lightmicroscopy of all tissue examples
taken from all the groups in postoperative periods, no
immunological reaction and inflammatory cell infiltration
were observed. Osteoblastic activity increased and osteocytes
became increasingly evident from 2nd month to 6th month
and gained normal bone tissue appearance in the end of
the 6th month. Not one of the bone examples taken from
all the samples had active inflammation, chronic infection,
osteomyelitis, foreign object granuloma, giant cell reac-
tions, benign or malign tumor, and definite tissue necrosis
observed. In Figure 5(a), the number of osteocyte is low
and no clear osteoblastic activity is seen. Similarly both the
number of the osteocytes is low and osteoblast activity is poor
at the end of the 2ndpostoperativemonth.No immunological
reaction is seen in periosteum in Figure 5(b) but osteoblast
activity. More osteocytes are seen in comparison to the 2nd
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Figure 3: (a, b, c) 2nd, 4th, and 6th month radiography.

Table 4: Mechanic properties of some different alloys and bone.

Material Form Solid density
(g/cm3)

Elastic modulus
(GPa)

Yield strength
(MPa)

General porosities in percent
(%) References

Co-Cr-Mo Solid 8.3–8.6 200–230 275–1585 — [14]
316L Solid 8 200 170–750 — [14]
Ti-6Al-4V Solid — 110 850–900 — [14]
Hidroksiyapatit Solid 3.2 — 279 — [2]
Ni-21Cr-9Mo-4Nb Porous — 0.77–1.87 1.28–3.48 6.84–10.71 [13]
Ni-Cr-Mo Porous 8.8 0.078–0.54 2.05–13.54 68.8–90.7 This study
Bone Porous 2.1 10–40 20 5–95 [14]

Bone tissue

Alloy

1mm

Figure 4: View of the sample in the bone tissue.

month. At the end of the 4th month osteoblasts are observed
clearly as seen in Figures 5(c) and 5(d). Figure 5(e) shows
normal bone tissue, osteoblast activity, and healthy perios-
teum with no immunological reaction at the end of the

6th postoperativemonth. Normal periosteum and spongiosis
bone structure are seen in Figure 5(f). No immunological
reaction and inflammatory cell infiltration are seen in the
periosteal region (Figure 5(g)).

4. Discussion and Conclusion

In this study, a Ni-based Ni-Cr-Mo alloy which is commonly
used in the orthopedic and dental field was used to produce
the samples as an implant material and was composed
with the precision cast method. The samples had an open
porosity structure, various pore sizes, and filamentary gauges.
The produced samples were implanted in dogs for various
periods, the biocompatible process was examined in vivo
conditions, and the following results were obtained.

Thematerial used for the productionmethodwas accord-
ing to Curran, [15]; the endurance of the foams obtained
with metal powder and the powder metallurgy method was
related with the tiniest spots between the metal or granules.
He has noted that the specific endurance of foams produced
by powder metallurgy would be low in accordance with
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Figure 5: (a, b) Poor osteoblast activity at the end of the 2nd postoperative month. (c, d) At the end of the 4th month osteoblasts are clearly
observed. (e, f) More osteoblast activity and healthy periosteum with no immunological reaction at the end of the 6th postoperative month.
(g) Normal periosteum and spongiosis bone structure.
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their production method. Yamada et al. [12] reported that a
casting with an open pore structure wasmaterialized with the
infiltration method using a polyurethane foam model, and it
was noted that the materials used for the production were of
high quality and reliable, and the porosity rate can climb up
to 98%. Yamada et al. also reported that any alloy or metal
could be cast by this method. Yamada et al. [12] used Al and
Mg materials to produce samples with a polyurethane foam
model in their study. They derived relative density ratios as
Al; 0.0446–0.0653, Mg; 0.0282–0.0306. A centrifugal casting
device was used in this study alternatively for the infiltration
casting of Yamada et al. [12]. Bone growth into porous metal
surfaces depends on several factors including the porosity of
the surface [16–18]. The controllability of the pore sizes and
the filamentary sections of the samples which were produced
with the precision casting method can be observed in the
centrifugal casting device. Pores with uniform structure were
obtained by using the polyurethane foam model. All the
pores resemble the polyurethane foam pores used as model.
Porous implants having densities between 0.0008 g/mm3 and
0.0027 g/mm3 were obtained from an alloy of Ni-Cr-Mo with
a solid density of 0.0088 g/mm3. Solid and porous densities
and Young’s modulus of some biomaterials and bone itself
are given together with the results of this study in Table 4
for comparison.

There are big differences between Young’s modulus and
compressive strengths of solid and porous materials as seen
in Table 4. Human bone has much less density (2.1 g/cm3)
than porous metallic implant materials but higher Young’s
modulus and compressive strength indicating a tougher
structure. The porosity of human bone changes in different
parts of body. The locations where bone is subjected to
excessive, compressive, or impact loads are less porous and
consequently have higher compression strength and Young’s
modulus.

Thematerials, whichwere produced porous, it is observed
that they display a relative attitude to the bone attitudes in
terms of the density, elasticity, and stress values in accordance
with thematerials produced nonporous.The density values of
the samples were examined; the pore size and the filamentary
section caused the increase of the relative density. These
values show that porous structures are more proper in terms
of using biomaterial. The Ni-Cr-Mo and Ni-21Cr-9Mo-4Nb
alloys were produced by applying the polyurethane foam
model method, and these were examined as porous elements;
it was reported that the compressive stress and the elasticity
module of the materials related with the rate of the porosity
amount and the filamentary sections were controllable and
their features were relevant to the mechanic behaviors of the
bone. This result reveals with this study that the alloy which
is commonly used in tooth implantation in fact can also be
utilized in orthopedic implants.

In the macroscopic examination of the samples taken
from tibias after euthanasia, it was seen that bone tissue
covered the pores within the implant and implant region
itself. Although Clemow et al. [6] state that for a good
bone ingrowth, the pore size of the implant material must
be between 200 and 500𝜇m, the pore sizes of the implant

material chosen as 85–127 and 254 𝜇m in our study were also
seen to be proper for bone ingrowth.

No immunological reaction or inflammatory cell infil-
tration was observed in the periosteum of the tissue sam-
ples extracted in postoperative periods. Osteoblastic activity
increased, osteocytes appeared clearly in time, and at the end
of observation periodmature bone formation was seen in the
samples. No active and chronic infection, osteitis, extraneous
granules, giant cell reactions, and benign ormalign neoplasm
with evident tissue necrosis were reported from the bone
samples taken from all cases. The results obtained showed
that the Ni-Cr-Mo alloy generally was biocompatible.
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