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Abstract

In this study, functionally gradient multi-layer coatings are developed on the Nitinol surface for orthopedic implant applica-
tions to eliminate potentially toxic Ni ion release and to improve biocompatibility. Using the direct energy deposition (DED)
technique, both the core Nitinol and titanium gradient layers are additively manufactured with high purity. The completely
alloyed microstructure without microstructural defects provides superior bonding strength compared to other metal coat-
ing techniques that rely on particle-to-particle bonding (e.g., thermal spray and physical/chemical vapor deposition). An
additional biomedical over-coating of hydroxyapatite (HA) was deposited on the outer surface of the gradient layer structure
using the cold spray technique to enhance biocompatibility without compromising high crystallinity. The resultant bonding
strength of HA coating was determined to be 26 MPa, which exceeded the minimum adhesion strength requirement (15 MPa)
by the ISO-13779 standard (implants for surgery-HA). The in vitro test on the nickel (Ni) ion release revealed that the Ni
release rate from the entire gradient Nitinol structure is very low (0.036 pg/cm?), which is an order of magnitude smaller than
commercial Nitinol orthodontic wires, thereby suggesting a promising potential of the novel Nitinol structure in orthopedic

and other implantable applications.
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1 Introduction

With the growth in the aging population, there is a renewed
focus on improving the quality of life for patients using bio-
medical implants and materials. It is estimated that more
than 90% of people over the age of 40 suffer from bone or
joint damage that results in limited mobility and decreased
quality of life necessitating joint repair or replacement [1].
Not limited to the elderly, injuries either due to sports or
accidents have also led to a rising demand for orthopedic
implants among young people [2].

Orthopedic implant materials require several attrib-
utes including (i) appropriate mechanical properties, (ii)
high corrosion and wear resistance, and (iii) excellent
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biocompatibility. However, it is often difficult to satisfy
all desired characteristics simultaneously. Stainless steel is
one of the most widely used orthopedic implant materials
with good mechanical properties (i.e., high tensile strength
and fracture toughness) [3] and relatively good biocompat-
ibility [4]. However, stainless steel does not have sufficient
corrosion resistance, which can lead to the initiation of a
fatigue fracture [5]. In addition, the corrosion of stainless
steel can release various metal ions (iron, chromium, nickel,
and molybdenum), which can cause inflammatory responses
[6]. Due to these reasons, the application of stainless steel
implants is limited in scope and duration. Cobalt-based
alloys, either Co—Cr—Mo alloy or Co-Ni—Cr-Mo alloy,
have excellent corrosion resistance and biocompatibility
[7]. With their elastic modulus and ultimate tensile strength
almost ten times higher than those of human cortical bones,
cobalt-based alloys are suitable for orthopedic applications
[1]. However, the material mismatch between the elastic
modulus of cobalt-based alloys (220-230 GPa [8]) and
human bones (30 GPa [8]) can cause stress shielding and
stress concentration, leading to bone resorption, inhibition
of bone formation, local irritation, inflammation, vascular
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compromise, and infection [9]. Titanium-based alloy pos-
sesses excellent corrosion resistance, which is more than an
order of magnitude greater compared to stainless steel [7].
Especially, titanium-based alloys are suitable for orthopedic
implant applications due to their high strength, low density,
high specific strength, good corrosion resistance, complete
inertness, and enhanced biocompatibility [10]. Nonetheless,
the potential risk of stress shielding and stress concentration
is still present since the elastic modulus of titanium-based
alloys (110 GPa [8]) is far greater than that of human bones.

With respect to stiffness mismatch, Nitinol is an ideal
candidate for orthopedic implant applications due to its low
elastic modulus (40-75 GPa [11]) comparable to human
bones (30 GPa [8]). In addition, Nitinol has other desirable
characteristics suitable for orthopedic implant applications
such as super elasticity, shape-memory property, bending
and corrosion resistance, fatigue resistance, magnetic reso-
nance compatibility, and kink resistance [12].

For a broader adoption of Nitinol for orthopedic implant
applications, additional functional improvements are neces-
sary. First, the corrosion resistance of Nitinol needs to be
enhanced. Corrosion of Nitinol leads to Ni ion release from
the surface, which can cause an allergic symptom in the
human body [13, 14]. While some studies showed promising
aspects of Nitinol in their in vitro and short-period in vivo
tests, wherein the Ni ion release rates decreased to a nearly
negligible level after a few days of the experiment, long-
term effects after implantation need to be considered for
orthopedic implant applications. Kamachimudali et al. [2]
claimed that fretting corrosion can occur from two oppos-
ing surfaces (such as bone plates and screw heads) rubbing
each other in an oscillating fashion in the body environment.
Moreover, corrosion slowly occurs from the metal surface
due to galvanic electrochemical reactions after implanta-
tion in a human body. Implant materials are in contact with
extracellular body fluids that contain chloride ions, which
can corrode metallic materials. Li et al. [15] tested untreated
Nitinol for 2 years using an animal model and claimed that
the Ni release from the untreated Nitinol at the initial stage
of implantation is one of the important factors that caused
relatively low biocompatibility and resulted in immature
osseous lamella structure and slow osteointegration at the
interface.

In addition to corrosion resistance, the hard tissue com-
patibility of Nitinol also needs to be better characterized for
orthopedic implant applications. In fact, the biocompatibility
of Nitinol itself is moderate and there are promising results
regarding the cytotoxicity of Nitinol that is comparable to
titanium and stainless steel. Ryhénen et al. [16] showed
that the proliferation of in vitro osteoblasts on the surface
of Nitinol was comparable to that of ASTM grade 2 pure
titanium and stainless steel 316. Ryhénen et al. [17] stud-
ied in vivo biocompatibility of Nitinol after intramuscular

@ Springer

and perineural implantation in rats for 26 weeks. The results
showed that the thickness of the capsule membrane formed
on Nitinol was comparable to those of stainless steel and
Ti6Al4V. Another in vivo biocompatibility study by
Ryhinen et al. [18] showed that the formation of fibro-
blast-like cells around Nitinol after 26 weeks of periosteal
implantation was comparable to stainless steel and Ti6Al4V.
Wever et al. [19] showed that cytotoxicity, sensitization, and
genotoxicity test results of Nitinol were no different from
the widely used implant material, AISI 316LVM stainless
steel. Trépanier et al. [20] showed good cytocompatibility
of surface-treated Nitinol from in vitro proliferation tests
using fibroblast human cells, and no adverse effect was
observed from surface-treated Nitinol after 12 weeks of
in vivo implantation. Ayers et al. [21] showed evidence of
fibrovascular tissue influx and concomitant bone formation
from porous Nitinol implants after 6 weeks of implantation
in rabbits.

Despite these successes, reports on Nitinol’s poten-
tial negative impacts as an implant material should not be
neglected since long-term follow-up data are yet not avail-
able. Wataha et al. [22] conducted in vitro biocompatibility
test and showed that Nitinol caused IL-1f release to indi-
rectly induce ICAM-1 on endothelial cells, which can lead
to latent inflammation. Shih et al. [23] showed that Ni ion
release from corroded Nitinol was toxic to the primary cul-
tured rat aortic smooth muscle cells. Also, the level of cell
growth inhibition was correlated with Ni ion concentration
from in vitro cell cultivation tests.

Applications of Nitinol in implants have been limited due
to its high toughness and low machinability, which result in
a high manufacturing cost in achieving requisite shapes [24].
As an alternative solution, additive manufacturing (AM)
techniques have received much attention since they can eas-
ily achieve the personalized design and material properties
for each patient and use. The feasibility of producing Nitinol
parts has been studied using many AM techniques, includ-
ing direct metal deposition [25-27], selective laser melting
(SLM) [28], selective laser sintering (SLS) [29, 30], electron
beam melting (EBM) [31-33], and direct energy deposition
(DED) [34, 35]. By controlling the nickel content and post-
heat treatment conditions, studies showed that the properties
of AM-printed Nitinol (phase transformation temperatures
[36, 37] and mechanical properties [37-39]) can be tailored
to meet specific orthopedic needs.

In this study, the DED technique, which is suitable for
building defect-free microstructure and achieving precise
composition from its customizable powder feed rate, was
used to build both the core material, Nitinol, and the func-
tionally gradient Ti coating layer without microstructural
defects. The core Nitinol was produced with proper DED
operating parameters, composition, and post-heat treatment
conditions that were already investigated in the authors’
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previous study [37]. The elastic modulus of the DED Nitinol
in this study was selected as 60 GPa which is close to that
of human bones (30 GPa [8]) to avoid severe stiffness mis-
matching with human bones. The functionally gradient Ti
layer was then deposited on the surface of Nitinol with 0%
nickel composition at the top layer to significantly suppress
nickel release. Lastly, additional biocompatible ceramic
material, hydroxyapatite (HA), was over-coated using a cold
spraying technique to further enhance the biocompatibility
of the as-fabricated titanium-Nitinol surface. The resultant
gradient functional coating was systematically studied in
terms of microstructure, chemical composition, and adhe-
sion strength. Moreover, the Ni ion release rate was meas-
ured in vitro for three different surfaces: (i) Nitinol, (ii) Ti
gradient coating on Nitinol, and (iii) HA over-coating on Ti
gradient coating to demonstrate the anti-corrosion property
of the novel Nitinol structure.

2 Structure design and experimental
procedures

2.1 Overall structure design

The entire structure is composed of three parts: (i) Nitinol as
core material, (ii) Ti gradient structure on Nitinol, and (iii)
biocompatible over-coating of HA on the Ti layer. For dem-
onstration purposes, an example of a femoral implant was
designed utilizing the Nitinol gradient structure, as shown
in Fig. 1. The core material is a dense (over 99%) Nitinol
without microstructural defects. With high purity, all the
advantageous features of Nitinol as an orthopedic implant
can be exploited [40]. The Nitinol surface is fully covered
with a dense thin layer of Ti gradient coating to eliminate
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the possibility of Ni ion release (i.e., 0% Ni composition at
the outer layer) while achieving the highest bonding strength
due to the completely alloyed microstructure. The final (top)
outer surface is then coated with a biocompatible material
(HA) using a cold spraying technique to enhance corrosion
resistance and the tissue compatibility of the overall struc-
ture. The following subsections discuss each structural layer
shown in Fig. 1.

2.1.1 Nitinol as core

The core Nitinol layer was produced using the DED tech-
nique through the OPTOMEC LENS 750 system equipped
with a fiber laser (wavelength of 1064 nm, maximum power
of S00W and focal diameter of 660 microns). The processing
parameters of the DED manufactured Nitinol were described
in the previous study of the authors [37], which discussed
the mechanical properties of the DED Nitinol according to
its composition and post-heat treatment history (Table 1
[37]). The Nitinol in a fully dense form was deposited with
the laser power of 250 W, a scanning speed of 12.5 mm/s,
and a hatch spacing of 0.5 mm. For each layer, six different
hatch orientation angles were applied in a sequence order:
nth layer: 0°, n 4+ 1th layer: 60°, n + 2th layer: 120°, n 4 3th
layer: 180°, n + 4th layer: 240°, and n + 5th layer: 300°. Two
separate powder feeders filled with pure (over 99.9%) nickel
and titanium powders were controlled independently to
achieve the arbitrary composition of Nitinol. Nickel and tita-
nium powders in a size range of 45—150 pm were acquired
from Atlantic Equipment Engineers and Advanced Powders
& Coatings, respectively. Argon was used as powder carrier
gas and shield gas around the melt pool. The oxygen level
was maintained at less than 20 ppm during the DED process.
The schematic of the DED process is shown in Fig. 2.
Powder feed rates of nickel (3.6 g/min) and titanium
(5.6 g/min) powders were controlled for the target composi-
tion of 51.3% (at.), and all Nitinol samples were solution
heat treated at 1050 °C for 10 h under an argon environ-
ment to achieve the reported elastic modulus of 60 GPa [39].
Compared to other widely used implant materials with high

Table 1 The DED operating parameters for Nitinol core [37]

Parameters Value
Laser power 250 W
Scanning speed 12.5 mm/s
Hatch spacing 0.5 mm
Layer thickness 0.25 mm

0°, 60°, 120°, 180°, 240°, and 300°
5 Ipm (8.33*1075 mm?/s)

30 Ipm (40.0%107> mm? /s)

Less than 20 ppm

Hatch orientation
Carrier gas (Ar) flow rate
Shield gas (Ar) flow rate

Oxygen level in the system
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Fig.2 Schematic of the DED Powder Powder
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elastic modulus values such as titanium/titanium alloys (110
GPa [8]) or stainless steel (200 GPa [8]), a low elastic modu-
lus of the DED Nitinol is more suited for preventing the stiff-
ness mismatch with the human cortical bone (30 GPa [8]),
thereby making the DED technique as a suitable method
for producing Nitinol samples with customized mechanical
properties.

2.1.2 Gradient Ti layer deposition

A promising method of eliminating the Ni ion release from
the surface is to create the final outside layer that is free
of Ni elements. In this regard, the outside layer material
should be carefully selected so that it does not raise extra
cytotoxicity concerns. Titanium and its alloys are generally
suitable candidates for clinical applications due to their low
corrosion rate. As such, in this study, commercially pure Ti
(cp-Ti) was selected as the outside layer material since it has
been shown to have the lowest corrosion rate among tita-
nium alloys [8, 41]. Specifically, the cp-Ti showed a lower
corrosion resistance compared to Ti6Al4V. Priyadarshini
et al. [8] reported a study on the corrosion-resistance behav-
ior of titanium alloys carried out in Hank solution, and they
found that the cp-Ti had the lowest corrosion rate followed
by Ti6Al4V. Kuphasuk et al. [41] measured corrosion rates
among titanium alloys and showed that the cp-Ti had the
lowest corrosion rate of 0.012 MPY (mils per year) while
Ti6Al4V and NiTi showed 0.0683 MPY and 0.0707 MPY,
respectively. In addition, Ti6Al4V contains extra elements
(Al and V) that can form unwanted phases if alloyed with
Ni and Ti. Therefore, cp-Ti can be considered to be the best
choice as the outside coating material.

The gradient layer structure (from NiTi to 100% Ti) has
advantages over ordinary coating, especially for its high
coating strength. The gradient structure provides the maxi-
mum coating strength due to its gradual change in alloyed
microstructure. On the other hand, other coating techniques
(ex. cold spray [42], plasma spray [43], and electrophoretic
deposition [44]) create microstructure with porosity, which
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is vulnerable to fatigue crack. Furthermore, its coating
strength depends on the molecular adherence force, which
is not comparable to that of alloyed microstructure. In this
study, the DED technique was used to create gradient lay-
ers with dense and defect-free microstructure on the Nitinol
surface.

2.1.3 HA over-coating via cold spray

In this study, the cold spray (CS), which is an emerging
solid-state material consolidation technique, was employed
to deposit the hydroxyapatite (HA) particles on the cp-Ti
surface to accomplish HA coating with high crystallinity. It
was already demonstrated that the CS technique can achieve
HA coating on a titanium surface with high crystallinity [45,
46] and excellent biocompatibility [45].

The crystallinity of HA should carefully be considered
since some studies showed that the osteoconductive property
of HA with amorphous or low crystallinity was superior to
highly crystalline HA [47, 48]. On the other hand, other
studies showed superior direct soft tissue attachment from
highly crystalline HA compared to HA with lower crystallin-
ity [49, 50]. While there are conflicting reports on the effects
of HA crystallinity on osseointegration, it is well-established
that HA with high crystallinity provides more desirable
long-term osteoconductive properties [50, 51]. Unlike the
CS technology, the DED technique is not a proper method
for achieving high crystalline HA over-coating since it can
easily involve the melting of HA as well as the melting of the
substrate material, cp-Ti, which will lead to the formation of
undesirable alloyed material.

The final outer surface (i.e., Ni+ gradient Ti) was
over-coated with hydroxyapatite (HA) by cold spraying to
enhance biocompatibility. The irregular-shaped HA pow-
ders having a size distribution of 15-45 pm were procured
from Medicoat, France. For a clear image acquirement,
the feedstock HA particles were placed on a carbon tape
during SEM analysis as shown in Fig. 3a. A low-pressure
CS machine (Rus Sonic Technology, Inc. K205/407R), as
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Fig.3 a SEM image of feed- (a) =
stock HA particles on a carbon Feedstock
tape b cold spray experimental HA

setup with a rectangular noz-
zle and its IR camera image

shown in Fig. 3b, was employed in HA particle deposi-
tion experiments. A rectangular-shaped nozzle was used to
process a large-area coating owing to its larger exit aper-
ture (i.e., 3 mm X 10.35 mm) compared to the traditional
axisymmetric CS nozzles, which generally have a diameter
of 4-10 mm [52, 53]. The CS nozzle was mounted on a
programmable multi-axis robot arm to precisely control
the spraying process in a pre-programmed manner. Com-
pressed air was used as the driving gas in the CS experi-
ments by setting its inlet pressure (gauge) to 0.7 MPa.
The driving gas (air) flow was preheated before spraying,
and the gas temperature was measured as 150 °C from
the outer walls of the nozzle's diverging section using a
type K thermocouple (Hanna instruments). The associated
infrared (IR) camera (FLIR A300, FLIR System) image of
the nozzle is also given in Fig. 3b. After preheating the
driving gas flow, the feedstock HA particles as received
without any further treatment were radially injected into
the divergent section of the nozzle at room temperature.
The CS experiments were conducted under the spraying
settings presented in Table 2. As for the substrates, two
different cp-Ti surface conditions (i.e., face milled and
sandblasted) were tested to investigate the effects of sur-
face conditions on the characteristics of cold-sprayed HA
coating in terms of microstructure, chemical composition,
and adhesion strength.

< :
Carbon
tape :

Rectangular
CS nozzle

Cross section
dimensions

Cold spray gun

Table 2 Cold spray process parameters used in the experiments

Parameters Value
Driving gas Air
Driving gas pressure (MPa) 0.7
Driving gas temperature (°C) 150
Powder feed rate (g/s) 0.2
Nozzle transverse speed (mm/s) 5
Spray distance (stand-off distance) (mm) 20
Number of sprayed layer 1

2.2 Tensile pull-off testing

The adhesion strength of the resulting biomedical coating
(HA) was evaluated by the pull-off tensile test according to
the ASTM D4541 standard [54], which is a well-established
quantitative method to properly characterize the coating
strength [55-58]. An adhesion tester (Elcometer 506) shown
in Fig. 4 was used to characterize the interfacial adhesion
strength between the substrates and the resultant HA coat-
ings. In this regard, the test dollies having a diameter of
14.2 mm were first sanded using a sandpaper to facilitate the
intrusion of the glue into the dolly’s surface by increasing
the dolly’s surface roughness. The dollies were then glued
on the HA-coated specimens using an epoxy-based adhesive

@ Springer



Progress in Additive Manufacturing

Fig.4 Tensile pull-off testing
rig and two different surfaces
for the pull-off test, face milled
and sandblasted

Aluminum
dolly

Titanium substrate

DED printed cp-Ti

Titanium substrate

(3M DP460). Before the test, the adhesive was cured at a
temperature of 45 °C for 4.5 h. Lastly, the HA coating was
pulled off by the applied tension load using the adhesion
tester. Note that, for the pull-off adhesion tests, the speci-
men surfaces were completely over-coted through the cold
spraying of HA.

To achieve the maximum coating strength and to inves-
tigate the effects of surface condition on characteristics of
cold-sprayed HA coating, two different cp-Ti surface condi-
tions (i.e., face milled and sandblasted) were considered.
The cp-Ti layers were deposited on a titanium substrate
surface by DED, and its surfaces were face milled using a
CNC milling machine, as shown in Fig. 4. The sandblasted
surface was created using a sandblaster (Cyclone FT-6035)
equipped with an abrasive garnet (80 HPA). After sand-
blasting, all surfaces were cleaned with acetone followed
by methanol to remove contaminants. For each surface con-
dition (face milled and sandblasted), five adhesion strength

Fig.5 Nickel ion leaching test
samples

Ti gradlent

Nltlnol
Ti gradlent
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measurements were recorded to obtain a statistically repre-
sentative average value with standard deviations.

2.3 Metal ion leaching measurement
2.3.1 Sample preparation

A total of three different samples were prepared for nickel
ion leaching tests, and sample designs are shown in Fig. 5:
(i) Nitinol (S1), (ii) Nitinol with Ti gradient layers on top
and bottom (S2), and (iii) S2 with HA coatings on top and
bottom (S3). Disks with a diameter of 10 mm and a height
of 1 mm were selected as S1 samples.

2.3.2 Measurement procedure

The FDA recommends that Nitinol implants be tested for
nickel ion release in biological conditions [59]. Thus, a

D: 10 mm
«-———»>

e

| Nitinol core Nitinol core Nitinol core
Ti dient

Leradien HA coating
layers
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modified version of ASTM F3306 was used to assess the
release of nickel from the samples. Invitrogen 10x PBS
buffer (Thermo Fisher Scientific, Cat # AM9625) was
diluted to 1 X concentration using filtered deionized water.
Six S1, S2, and S3 samples, as shown in Fig. 5, were placed
in 15 ml tubes with 3 ml of 1 X PBS. Over 30 days, the sam-
ples were moved to fresh PBS every 3 days. The nickle lev-
els from PBS were measured using a Thermo Scientific Ele-
ments II ICP-MS. Testing was done on a 10 X dilution of the
PBS with 400 pl of nitric acid (70%) added to the samples
to make the matrix and 50 pl of 1 ppm. In-115 was added
as an internal control. The nickel standard used was 10 ug/
ml nickel from Inorganic Ventures (MSNI-10PPM-125ML).

2.4 Microstructure analysis

The microstructure was analyzed using a scanning electron
microscope (SEM), an optical microscope (OM), and X-ray
diffraction (XRD). Before SEM analysis, all samples were
sectioned and mounted into bakelite. The bakelite samples
were roughly polished using silica abrasive papers in the
sequence of 320, 400, 600, and 800 grits. Subsequent fine
polishing was done using a 6 um diamond paste, followed
by 0.05 um colloidal silica. The JEOL 6400 SEM equipped
with energy-dispersive X-ray spectroscopy (EDS) was used
to analyze surface morphology and chemical composition
at target points and regions on sample surfaces. The Bruker
D8-FOCUS XRD with a CuKa X-ray source was used with
the scanning of 20 values from 20° to 90° at the rate of 8°/
min.

3 Results and discussion
3.1 Nitinol core

All the advantageous features of Nitinol come from the
NiTi phase, and therefore a high level of purity is neces-
sary for orthopedic implant applications. The back-scattered
SEM image of DED-printed Nitinol is shown in Fig. 6a.
The EDS result showed the composition was Ni 51.3%
and Ti 48.7% without any other elements. The bright and
dark phases in Fig. 6 are NiTi and NiTi,, respectively. The
amount of NiTi, was 4% from the DED-printed microstruc-
ture while other additive manufacturing techniques such as
SHS (selective heat sintering), SPS (spark plasma sintering),
HIP (hot isostatic pressing), and SLS—SHS (selective laser
sintering—selective heat sintering) created greater amounts
of NiTi, phase, ranging from 11.8 to 46% [37]. The XRD
result of DED-printed Nitinol exhibited only NiTi and NiTi,
phases, as shown in Fig. 6b.

(@)
Y \°
(b) ‘ ‘ ' ‘ ‘ ‘ @ NiTi(B2)
@ NiTi(B19)
a NiTi,

Intensity
i
)
°

35 40 45 50 55 60 65 70 75 80 85 90
20 [deg]

Fig.6 a Back-scattered SEM image of Nitinol, b XRD result of DED
Nitinol (Ni 51.3%)

3.2 Tigradient layers

The major purpose of the Ti gradient layer is to achieve
(i) defect-free microstructure and (ii) 100% Ti composi-
tion at the outer layer. Figure 7a shows the cross-section
SEM image of the bio-test sample with Ti gradient layers
on the top and bottom of the Nitinol core. It should be
noted that no defects (pores and cracks) were observed
throughout the Ti gradient layers and NiTi core. At the
boundary of the NiTi core and the gradient Ti layers, a
thin layer of the NiTi, (bright contrast) with a thickness
of ~20 pm was formed. As more Ti layers were deposited,
a decreasing amount of bright NiTi, was observed in the
matrix of Ti (dark contrast). The distribution of Ni com-
position along the vertical direction (from top to bottom)
is shown in Fig. 7b. A gradual decrease in Ni composition
was observed from the EDS measurement along the build-
ing direction from the NiTi core to the outer Ti gradient
layer. The 0% Ni composition at the final surface of the
Ti gradient layer shows the Ni element was completely
absent at the surface. In this study, different laser param-
eters were tested to achieve the interface layer with the
thinnest thickness and defect-free microstructure. While
the thickness of the interface layer (composed of highly
dense NiTi,) was increased to 400 pm with higher laser
power, the overall thickness of the entire Ti gradient layer
was reduced to 500 pm with the thinnest interface layer of
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Fig.7 a SEM images of Nitinol (a)
core and Ti gradient layer struc-

ture, b Ni composition distribu-

tion along the building direction

(from top to bottom)
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Table 3 The DED operating parameters for the Ti functional gradient
layer

Parameters Value

Laser power 80 W

Scanning speed 12.5 mm/s

Hatch spacing 0.18 mm

Layer thickness 0.1 mm

Hatch orientation 0°, 60°, 120°,
180°, 240°, and
300°

20 pm by choosing the optimized operating parameters.
The optimized operating parameters for the Ti functional
gradient layer are shown in Table 3. The overall coat-
ing thickness of 0.5 mm will have negligible effects on
the overall bulk mechanical properties, since it is much
less than the dimension of the core NiTi. For example,
Zhang et al. [60] created functional-structural NiTi/HA
composite with an HA coating thickness in the range of
3.2-3.9 mm. Even with the larger thickness (eight times
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thicker), the superelasticity and mechanical properties of
core Nitinol from compression stress—strain responses did
not deteriorate.

The microstructure of the NiTi core and the adjacent Ti
layers was compared to the previous study by Abioye et al.
[61]. The study achieved alloyed microstructure between
cp-Ti and Nitinol using the direct laser metal deposition
(DLMD) technique. While a similar thickness of the NiTi,
interface layer was formed, the NiTi layer consisted of a
dendrite-shaped NiTi phase in the matrix of NiTi,, which
indicates a low purity of NiTi. In comparison, this study
achieved a Nitinol core with a high purity that allowed
beneficial mechanical properties for orthopedic implant
applications.

3.3 HA over-coating on Ti surface

Cold spray (CS) deposition of HA particles on cp-Ti sur-
faces was performed using the operational settings listed
in Table 2. Figure 8a shows the surface SEM images of the
as-cold-sprayed surfaces on the face-milled and sandblasted
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Fig.8 a Surface morphology of (a)
the HA coating on face-milled
(left panel) and sandblasted
(right panel) specimens; b EDS
map of the HA coating on face-
milled (left panel) and sand-
blasted (right panel) specimens;
¢ cross-section SEM image of
the HA face milled (left panel)
and sandblasted (right panel)
samples

>

(b) ==

Face milled

cp-Ti surfaces. The HA coating with micro-roughness was
achieved on both surfaces, which is crucial to trigger cell
attachment in orthopedic implant applications. However,
severe porosities locally appeared on the face-milled cp-Ti
surface, which indicates a non-uniform coating on the face-
milled cp-Ti sample. Conversely, a relatively dense HA coat-
ing with less porosity was obtained on the sandblasted cp-Ti
surface. The reason lies in that direct CS deposition and
coating build-up on smooth surfaces is challenging due to
the inherent bow-shock region formed near the target sur-
face [62—64]. The substrate surface can be pre-treated for
the CS process by increasing the target surface roughness
using processes such as sandblasting and grinding, which
would further help to alleviate the effect of the bow-shock
phenomenon [62].

The EDS analyses, as shown in Fig. 8b, exhibit appar-
ent peaks of phosphorus (P) and calcium (Ca), which were
observed on both HA-coated cp-Ti surfaces, indicating a

successful CS deposition of HA particles. A sharp tita-
nium (Ti) peak, however, was observed on the locally
porous region of the face-milled surface. It is attributed to
the locally formed relatively thin coating that did not fully
cover the titanium surface.

The cross-sectional morphology of the resultant HA
coatings was also analyzed. As seen in Fig. 8c, the sand-
blasted cp-Ti surface resulted in a considerably thicker
HA coating (i.e., = 3 times thicker than the face-milled
surface). This result suggests that post-processing of the
3D printed Ti parts via sandblasting is beneficial to achiev-
ing thicker HA coatings on the target surface. The results
are consistent with the previous studies, in which the thick
HA coatings were obtained on the sandblasted commer-
cial Ti6Al4V alloy coupons [46, 62]. The cross-section
SEM images also revealed that dense HA coating was
achieved on the surface without compromising substrate
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properties, as no noticeable crack or fracture was detected
on the DED-printed cp-Ti metal parts after the CS process.

The crystalline structure of HA was preserved after cold
spraying according to the XRD analysis in Fig. 9. Four
different XRD analysis results are shown in Fig. 9: (i) the
DED-printed cp-Ti surface, (ii) HA powder, (iii) CS HA
coating on the face-milled cp-Ti surface, and (iv) CS HA
coating on the sandblasted cp-Ti surface. It is noted that the
CS HA coating on the sandblasted cp-Ti surface showed the
attenuated intensity of major Ti peaks (38.46° and 40.19°)
while preserving sharp HA peaks (between 45° and 55°). On
the other hand, the CS HA coating on the face-milled cp-Ti
surface showed relatively high major Ti peaks (38.46° and
40.19°). Results indicate that dense and thick HA over-coat-
ing with implant-friendly crystalline structure was achieved
on the sandblasted cp-Ti surface by cold spraying.

Figure 10 shows the pull-off adhesion test results for the
HA-coated samples with different pre-surface treatments
(i.e., face milled and sandblasted). The sandblasted cp-Ti
surfaces resulted in significantly greater adhesion strength
(i.e.,>40%) than the face-milled cp-Ti surfaces, which is
likely attributed to proper anchoring of the impinging parti-
cles onto/into the troughs on the sandblasted cp-Ti surface.

™ T T T T T
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Fig.9 XRD analysis of DED-printed cp-Ti surface, HA powder, CS
HA on the face-milled cp-Ti surface, and CS HA on sandblasted cp-Ti
surface

The maximum adhesion strength of HA coating on the sand-
blasted specimens was obtained to be 34.78 MPa while the
minimum strength was 19.16 MPa. Considering the ISO-
13779 standard (i.e., implants for surgery—hydroxyapatite)
[65], which suggests that no individual result shall be less
than 10 MPa and the average coating strength should exceed
15 MPa, the resultant HA coating through cold spraying on
sandblasted cp-Ti surfaces is promising in terms of adhesion
strength for orthopedic implant applications. Taken together,
the results suggest that, before cold spraying, processing of
the DED-printed cp-Ti surface by sandblasting is critical not
only to achieving a dense HA coating with less porosity but
also to obtaining sufficient adhesion strength for effective
orthopedic implant applications. As such, the functional HA
coatings on sandblasted cp-Ti surfaces were subsequently
used for the biological test, in vitro Ni ion release.

3.4 Niion leaching test results

A total of 18 test samples of 4 types were prepared as shown
in Fig. 5. Nitinol samples (S1) were machined after the DED
process and subsequent heat treatments. The other samples
(S2 and S3) were prepared by depositing coatings on the
S1 samples. The Ni ion release amount was analyzed by
measuring the Ni concentration in the 1 X PBS solution that
contained each sample for 3 days. The average Ni concentra-
tion measurement test results for each sample type are shown
in Fig. 11. It should be noted that Ni concentration from S1
and S2 samples decreased from the ‘1-3 days’ (S1: 0.418 ng/
ml/mm? and S2: 0.439 ng/ml/mm?) to the ‘7-9 days’ (S1:
0.058 ng/ml/mm? and S2: 0.055 ng/ml/mm?). After 30 days,
the Ni concentration from S1 and S2 was reduced to the
level of S3. The S3 sample showed a very low Ni concentra-
tion (0.009-0.034 ng/ml/mm?) throughout the experiment
period. The Ni ion release rate from this study was com-
pared to that of commercially produced orthodontic Nitinol
wires as shown in Table 4. The Ni release rates from this
study were comparable to that of commercial Nitinol wires
with the lowest Ni ion release rate. It should be noted that

Fig. 10 a Adhesion test dolly (a) HA residuals on the (b)
(upper left panel), pulled-off dolly after the test 35
specimen (bottom left panel), Doll -
and adhesion tester (right y { & 30 1
panel); b adhesion strength of \_ A = 25
the resulting cold-sprayed HA - s 7] i
coatings on the Ti substrates ®14.2 mm 2 504 I J
with different surface conditions Pulled-off HA =
¢ » 15 l E
coating s
‘@ 10 N
o}
5
< 9] 1
0
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Fig. 11 Ni concentration in the PBS solution from test period days

the commercial Nitinol wires released more Ni ions with
a shorter period of immersion time, 9 days for this study
and 7 days for reference cases. Especially, the S3 samples
showed a Ni release rate that is an order of magnitude
smaller compared to commercial Nitinol wires. The effect
of the pH level of the immersion solution on the Ni release
rate should be carefully considered since the pH levels of
immersion solutions are different in Table 4. The study
by Huang et al. [66] in Table 4 shows the Ni release rates
from immersion solutions with pH levels of 5.0 and 6.25
are almost the same. Sussman et al. [67] showed that the Ni
release rates from Nitinol from immersion solutions with

pH levels of 6.25 and 7.2 showed a 19—96% of difference.
Even with the maximum difference of 96%, Table 4 clearly
shows that the Nitinol structures from this study are safer
in the aspect of Ni ion release, compared to commercial
orthodontic Nitinol wires.

The Ni concentration from S2 was slightly higher com-
pared to S1 at the beginning of immersion. To explain the
result, the side surfaces of all samples and their phase dis-
tribution were analyzed. The side surfaces of different types
of samples after 30 days of the experiment are shown in
Fig. 12. Due to additional Ti gradient layers on the top and
bottom of the Nitinol disk, the side surface area of S2 was
twice larger compared to S1. As shown in Fig. 7, the side
surface is mainly composed of cp-Ti, but there are NiTi,
phases mixed in the cp-Ti matrix. It was reported that the
NiTi, phase showed lower erosion resistance than that of
the NiTi phase [68]. Therefore, an increased Ni concentra-
tion from S2 may be explained by the presence of the NiTi,
phase, especially dense thin layers (~ 20 microns) formed on
top and bottom of the Nitinol disk. It should be noted that (i)
the thickness of the Ti gradient layer is relatively large only
when the sample is small, and (ii) the side surface is exposed
only with limited sample geometry. In a realistic size scale,
as demonstrated in Fig. 1, the thickness of the Ti gradient
layer is negligible and the side surface is not exposed.

As for future work, the authors will evaluate the devel-
oped Nitinol structure in terms of biocompatibility through
additional in vitro and in vivo tests. We envision that, owing
to its negligible nickel ion release and promising bond
strength, the novel Nitinol structure that was developed in
this study will have wide utility as implantable material over
conventional metals.

Table4 Accumulated Ni

) Source Nitinol samples from Test Immersion solution Accumulated Ni
release amOl.mt [ng/em’] . different vendors period release amount
compared with commercial [days] [pg/em?]
orthodontic Nitinol wires

This study S1 (NiTi) 9 PBS (pH: 7.4) 0.178
S2 (NiTi+ Ti) 0.130
S3 (NiTi+Ti+HA) 0.036
Arndt et al. [69] Titanol Low force 7 Artificial saliva (pH: 5.0) 1.9
Tensic 0.4
Euro Arch 0.2
Nitinol Classic 0.1
Huang et al. [66] Ormco 7 Custom (pH: 5.0) 0.92
RMO Inc 2.33
Shin-Ya Co 1.58
Kuo-Hua Co 0.78
Huang et al. [66] Ormco 7 Custom (pH: 6.25) 0.92
RMO Inc 2.49
Shin-Ya Co 1.92
Kuo-Hua Co 0.45
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§2:
Nitinol
Ti gradient
S3:
51 Nitinol
Nitinol Ti gradient
HA

Fig. 12 Side surfaces of three different samples after the in vitro test-
ing for 30 days

4 Conclusion

In this study, a novel method of building functionally gra-
dient layers on Nitinol using additive manufacturing pro-
cesses (the DED and the cold spray) was presented. The
entire Nitinol structure could reduce the stress shielding
effects and suppress potentially toxic Ni ion release from
the Nitinol surface, providing more advantageous features
in medical implant applications. The following conclusions
can be drawn from this study.

e A Nitinol structure with its Young’s modulus (60 GPa)
closely matching that of human bones (30 GPa) was pre-
pared using the DED technique and post-heat treatment.
The microstructure of the Nitinol showed a high purity of
the NiTi phase without any microstructural defects such
as pores and cracks.

e The functional Ti gradient layer on the Nitinol surface
showed a 0% Ni composition that can suppress Ni ion
release. The entire coating thickness of the gradient
layer was suppressed within 500 microns to ensure the
mechanical properties of the core Nitinol are preserved.
The highest level of bonding strength was achieved in the
gradient layer due to the complete alloyed microstructure
without microstructural defects.

e Additional biomedical over-coating (HA) for enhanced
biocompatibility was deposited on the cp-Ti layer using
the cold spray technique. A promising adhesion strength
(26 MPa) of HA over-coating on the cp-Ti surface was
achieved, which exceeded the requirement by the ISO-
13779 standard (15 MPa) for orthopedic implant applica-
tions.

e The in vitro Ni ion release from uncoated and coated
Nitinol samples was analyzed. Both the uncoated and Ti-

@ Springer

coated Nitinol samples showed the Ni release rate com-
parable to commercial orthodontic Nitinol wires. Espe-
cially, additional HA-coated Nitinol samples showed the
Ni release rate which is an order of magnitude smaller
than that of commercial orthodontic Nitinol wires.
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