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Implantable microdevices, providing accurate measurement of target analytes in animals and
humans, have always been important in biological science, medical diagnostics, clinical therapy, and
personal healthcare. Recently, there have been increasing unmet needs for developing high-performance
implants that are small, minimally-invasive, biocompatible, long-term stable, and cost-effective. Therefore,
this special issue aims to bring together state-of-the-art research and development contributions that
address key challenges and topics related to implantable microdevices.

There are eight research articles and one review article published in this special issue, covering a wide
range of topics: implantable sensors for detecting biophysiological and biophysical signals [1,2]; novel
transducers for stimulation [3]; miniaturized antennas and biotelemetries for wireless implants [4–6]
medical electronics and system-on-chip (SoC) [1,7]; and nano/microfabrication technologies for
implantable microdevices [2,8,9]. On the device side, Chen et al. reported a tongue pressure sensing
platform that integrated interdigitated pressure sensing electrodes with SoC on flexible polymer films.
The sensor achieved high sensitivities at the low-pressure region of below 10 kPa and good stability in air
and in deionized water. Xi et al. fabricated an ultramicron silver needle electrode (7.9 μm in diameter)
using a cost-effective, laser-assisted pulling method [2]. Also published is a new piezoelectric transducer
implant proposed by Liu et al. for stimulation of the round window membrane of the middle ear with
significantly reduced power consumption and improved output quality [3]. On the system side, Lee et al.
presented a highly efficient, wireless ECG monitoring system that integrated ECG sensor, temperature
sensor, microcontroller unit, radio-frequency transceiver, and wireless power transmission unit on a
single printed circuit board for continuous monitoring of cardiac arrhythmias [7].

Inductive telemetries have been widely used in biomedical implants for wireless power delivery
and data communication. This special issue includes multiple designs of wireless antennas that have
been explored by different groups. In particular, Hajiaghajani et al. proposed a three-dimensional
coil array based on a generalized Halbach array for wireless powering of biomedical instruments
within a large area of 144 cm2 while eliminating the need for traditional magnetic shielding [4].
In another design, Fan et al. designed a miniaturized circularly polarized antenna for in-body
wireless communication with broadened bandwidth [5]. Li et al. also proposed a compact broadband
implantable antenna with dual resonance bandwidth of 52 MHz at low return loss of −10 dB. Packaging
and surface fouling are also long-standing challenges of biomedical implants. Zeng et al. presented a
comprehensive review article that summarizes the micro/nanotechnologies and material considerations
for high-density implantable packaging and flexible microelectrode arrays used in artificial retinal
prostheses [8]. To reduce the surface fouling effect, Qin et al. proposed a dual bio-inspired shark-skin
and lotus-structure surface with a unique combination of superhydrophobic, antidrag, and self-cleaning
properties [9].

Micromachines 2019, 10, 603; doi:10.3390/mi10090603 www.mdpi.com/journal/micromachines1
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Abstract: During the past decades, there have been leaps in the development of micro/nano retinal
implant technologies, which is one of the emerging applications in neural interfaces to restore vision.
However, higher feedthroughs within a limited space are needed for more complex electronic systems
and precise neural modulations. Active implantable medical electronics are required to have good
electrical and mechanical properties, such as being small, light, and biocompatible, and with low
power consumption and minimal immunological reactions during long-term implantation. For this
purpose, high-density implantable packaging and flexible microelectrode arrays (fMEAs) as well
as high-performance coating materials for retinal stimulation are crucial to achieve high resolution.
In this review, we mainly focus on the considerations of the high-feedthrough encapsulation of
implantable biomedical components to prolong working life, and fMEAs for different implant sites to
deliver electrical stimulation to targeted retinal neuron cells. In addition, the functional electrode
materials to achieve superior stimulation efficiency are also reviewed. The existing challenge and
future research directions of micro/nano technologies for retinal implant are briefly discussed at the
end of the review.

Keywords: retinal implant; high-density; implantable packaging; microelectrode array; coating

1. Introduction

Implanted microelectronic device has enormous applications in biomedical and animal studies, and
one of the emerging applications is the neural interface micro-devices for neural activity monitoring and
modulation [1–3]. Since the first pacemaker implantation in 1958, many implantable medical devices
such as deep brain stimulators, cochlear implants, and blood pressure sensors have been developed
and commercialized [4,5]. These implantable medical devices typically have only 4–26 feedthroughs
(or independently controlled channels), which connect the electrode array and receiver coil to the
stimulator. However, higher feedthroughs within a limited space are needed for supporting more
complex electronic systems and precise neural modulations. One good example is retinal prostheses
to restore the basic visual functions for patients suffering from severe retinal degeneration disease
including retinal pigmentosa (RP) and dry age-related macular degeneration (AMD), also known as
the bionic eye, retinal prosthesis, or visual prosthesis [6,7]. AMD occurs predominately in the aged,
affecting 30–50 million people globally and more than 4 million in China alone, while RP afflicts mainly
children and young adults, affecting 1.5 million people globally [7–10].

With rapid advancements in technology and engineering for retinal implant, the first commercial
retinal prostheses, the Argus® II retinal prosthesis system (referred to as simply Argus II) with
60 channels from Second Sight Medical Products Inc., has obtained the European Union approval
(CE Mark) in 2011, and the U.S. Food and Drug Administration (FDA) with the humanitarian device

Micromachines 2019, 10, 419; doi:10.3390/mi10060419 www.mdpi.com/journal/micromachines3



Micromachines 2019, 10, 419

exemption in 2013, has been commercially implanted in hundreds of patients [8,9]. The working
principle and clinical results of Argus II have been detailed in many review papers [7,10–12], and
its illustration is shown in Figure 1a,b. In 2013, Alpha IMS from Retina Implant AG became the
second CE certified wireless retina implant in Europe, featured as a subretinal device implanted under
the damaged retina to take advantage of the signal processing capabilities of intact bipolar cells in
the retina [13]. The implant uses a 3-mm square microphotodiode array (MPDA) chip consisting of
1500 photodiodes to amplify pixels instead of the eye’s photoreceptors. Another method with the
retinal implantation site between the sclera and choroid, namely suprachoroid implant, was also
adopted with relatively simple and less invasive surgery [14,15]. Figure 1c shows the major approaches
to retinal implants depending on the implantation sites. The intraretinal neurons largely retain the
ability to transmit signals despite reorganization and cell loss. The images captured from the visual
field through the image acquisition device are translated into stimulation patterns for the electrode
array placed near the retina. An electrochemical interface can be formed with physiological saline. The
current delivered into the extracellular region causes charge redistribution on the membrane of retinal
neurons, and an action potential is triggered when the membrane depolarization exceeds a threshold.
For example, a negative charge accumulates outside the membrane under the electrode during cathodic
stimulation, driving the intracellular positive charge moving to the electrode/neuron interface from the
adjacent compartments, and leading to a strong membrane depolarization closer to the electrode and a
weaker hyperpolarization far away. Anodic stimulation is the opposite [7,16]. Besides RP patients,
more than 600 AMD patients received an entirely different type of implant to restore their poor vision:
the implantable micro-telescope (IMT) from Vision Care of Saratoga, California [17]. The pea-sized
IMT is implanted behind the iris of eye. The loss of central vision can be magnified 2.7 times by the
telescope and projected onto the healthy part of the retina surrounding the scarring.

Figure 1. (a) External and (b) implant part of the Argus II system [7]; (c) illustration of the implantation
sites of the visual cortex, epiretinal, subretinal, and supra-choroidal prostheses [7]. Reproduced with
permission from [7], published by Elsevier, 2016.

There is a long-lasting effort to increase the resolution and visual acuity of retinal implant [6,18,19].
Previous simulation has shown that a super-high density of 600–1000 stimulus electrodes (pixels) is
required to help blind people with face recognition and reading large text in newspapers [20]. For this
purpose, high-density implantable packaging and flexible micro electrode array (fMEA) as well as
high-performance coating materials for stimulation are crucial to achieve high resolution, which will
be the focus in this review.

Considering the security issues of multilayer in chronic use, all implants must be stable,
biocompatible, and ensure minimal immunological reactions [21–23]. Most active implant devices
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use silicon (Si)-based electronic devices to perform the functions of sensing or treatment. Due to the
biological incompatibility of Si substrate, higher density input/output (I/O) pins and peripheral circuit
communication are required. There is a great demand in shrinking the implant size while increasing
feedthrough counts [24–27], which has brought great challenges for packaging. Conventional direct
packaging using plastic, metal, or ceramic cannot guarantee the long-term moisture-free environment
for high-channel-count electronic devices. When water vapor inside the packaging exceeds a threshold
value, dewing may occur, and the water droplets together with residual ions will form an electrolytic
environment, leading to corrosion, delamination, cracking, or other degradations of the internal
components. Therefore, electronic packaging with high density, air tightness, and biocompatibility is an
inevitable choice, to build a seal cavity with good mechanical performance and biocompatibility [28,29].

For precise neuronal stimulation, smaller and more sophisticated microelectrode arrays are of
increasing interests [30,31]. Considering the major target cells for stimulation, retinal ganglion cell
(RGC) has the soma size in 5–20 μm range, so the ideal electrode size should be similar to this
size to facilitate one-on-one stimulation. Actually, the optimal size of electrode suggested by the
electrophysiologic experiments should be 10 to 20 μm, and the spacing between 20 and 60 μm [32],
which are far less than those in current commercial products (for example, the electrodes of the Argus II
are 200 μm in diameter and 300 μm in spacing). The decreasing size of electrodes will increase the
impedance and improve the signal-to-noise ratio (SNR) dramatically. Moreover, the fabrication process
of high-density fMEA in limited size is challenging because of low yield and easy delamination.
Therefore, it is critical to study the electrode fabrication process, materials, and surface modification.

For those tiny microelectrodes, high capacitance and charge injection capability (CIC), low electrical
impedance, as well as the biocompatibility, are of great importance to reduce power consumption,
lower heat dissipation, and ensure safe stimulation [33,34]. Many researchers have attempted to
increase the effective surface area of microelectrodes of the given size to improve the charge delivery
characteristics [35,36]. A fundamental consideration for the retinal prosthesis is the selection of proper
electrode materials which should exhibit biocompatibility and be able to deliver sufficient charge
within safe limits. The requirement of porous and rough coatings on the bare microelectrodes has
brought opportunities for the application of various nanomaterials in the retinal implant.

It is worth to note high-density stimulation is not equal to high visual acuity (resolution), which
requires a lot of factors in both hardware (electrodes and coatings) and software (stimulation strategies
based on surgical results). For example, Argus II with 60 channels could only restore the patient’s
visual acuity to 200/1262 without amplification [37], and Alpha-IMS with 1500 photoelectric pixels
had, at its best report, up to 20/546 [38], only slightly higher than Argus II and far below the expected
visual acuity. Here we will summarize only the recent progress in the device’s fabrication towards
high-resolution retinal implant. The survey of stimulation strategies for retinal prosthesis can be found
in other reviews [7,39].

2. Packaging and Integration

The packaging of implantable biomedical components has been one of the greatest challenges for
chronic implantation. All the materials exposed must be highly biocompatible, and also highly inert to
the erosion of body fluids. Now there are two typical kinds of packaging approaches: hard packaging
and soft packaging. The former has a hard shell or capsule made of metal, glass, or ceramics, which
allows multiple connections to the components of the basement or integrated into the system of internal
packages. It has been widely used in commercial products and allows mass production [40], but the
manufacturing costs and risk of failure are rapidly increasing for high-density feedthroughs. Many
efforts have been dedicated to increase package feedthrough and reliable bonding/joint using new
processes and materials [26–29]. The second option is using one or several layers of biocompatible soft
films as a hermetical coating, which has the advantages of being a small-size, light-weight, low-cost,
and simple process with high flexibility [41], and has attracted a lot of research interest as an emerging
technology enabling high-density, ultra-small medical implants.
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2.1. Hard Packaging and Integration

A typical hard packaging for retinal implant is the ceramic/metal composite can for Argus II.
The implantable packaging includes three steps: (a) the fabrication of ceramic substrate with Pt
feedthroughs, (b) achieving brazed joint with a titanium (Ti) ring, and (c) laser welding with a Ti
cap. The illustration of a patented method for the fabrication process is shown in Figure 2a [42].
Multiple blind holes inside a green, or unfired, ceramic sheet were formed firstly, solid wires (or pins)
like platinum (Pt) were inserted, followed by sintering treatment for the shrinkage of ceramic and
removing the extra materials, so that the lower ends of the wires were flush with the lower surface of
the finished sheet.

 
Figure 2. (a) Illustration of the package fabrication process described by a patent from Second Sight;
(b) the cross-sectional (top) and 3D illustration (bottom) of implantable body for retinal implant with
100+ channel, and (c) the major process flow for platinum/alumina composite substrate in our group.

Our group in Shenzhen Institutes of Advanced Technology (SIAT), Chinese Academy of Sciences
(CAS) also adapted the hard packaging approach to host the retinal implant with more than
130 feedthroughs, but the microfabrication process was optimized in a different way. The packaging
mainly consists of alumina/platinum (Al2O3/Pt) substrate, a Ti ring, and a Ti cap, which allows
100–500 feedthroughs in 1 cm2 and shows the best cytotoxicity grade (Grade 0) [43]. As shown in
Figure 2b, Pt vias were embedded in Al2O3 sheets and covered with Pt pads for electric connection.
The Ti ring was brazed with Al2O3 and bonded to Ti cap using laser welding. The whole packaging
body housed circuits or power inside to be isolated from gas and water penetration.

As shown in Figure 2c, high-purity Al2O3 power and its organic adhesives were mixed into
emulsion and laminated into a thin green tape. Then mechanical milling was conducted to make
micrometer holes in the green tape. Pt paste was filled into the holes typically using thick-film printing
technology. After that, Pt or gold (Au) line trace and pad can be patterned on the tap using screen
printing technology with the aid of a stainless-steel mesh. Several patterned green tapes were aligned
and stacked with uniform pressure using the commercially available isopressing equipment, followed
by co-sintering of metal paste and Al2O3. Finally, the substrate was diced into desired pieces by laser
cutting. The Ti ring was then brazed with Al2O3 and inserted between the Ti ring and the ceramic
substrate with the aid of a thin braze alloy sheet. After mounting the integrated circuit (IC) and discrete
components using surface mounted technology (SMT), the Ti ring was sealed with Ti cap using laser
welding. Picosecond laser is used since it allows metal melting immediately at low-temperatures
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(<100 ◦C) to fulfill the metal interface, without additional intermediate layer. All the joint parts have
reached an ultra-low level of 10−10 Pa·m3/s for helium (He), which is at least 10 times lower than
the 10-year implant requirement of FDA standard (10−9 Pa·m3/s), and they also exhibit excellent
biocompatibility (Grade 0) using L929 cell line.

Another report on high-density ceramic/Pt ceramic packaging with integrated electrodes is from
the University of New South Wales [44,45], up to 2500 channels per cm2 (Figure 3a). It is featured
with chip-scale packages with integrated electronics, and the outer layer of microelectrodes can
directly interface with neural tissues. The charge injection limit of these electrodes and stability under
stimulation were explored, showing excellent stability under stimulation with more than 1.8 billion
pulses and the electrodes have improved charge transfer properties when compared to machined
Pt microelectrodes.

 
Figure 3. (a) The high-density electrode array and corresponding cross-section of hermetic feedthroughs
produced with four layers, Reproduced with permission from [44], published by Wiley Online Library,
2014; (b) illustration of a high-density array of diamond feedthrough and electrode with 256 channels,
Reproduced with permission from [25], published by Elsevier, 2014.

There are some other materials available for the substrate, including diamond and glass. Figure 3b
shows an illustration of a high-density array of diamond feedthroughs and electrodes reported
by the Bionic Vision Australia (BVA) group in the University of Melbourne [25]. The 256-channel
feedthrough array was constructed from a kind of polycrystalline diamond with electrically insulating
diamond substrate, containing many electrically conducting nitrogen doped ultra nano-crystalline
diamond (N-UNCD) feedthroughs. N-UNCD has appropriate electrochemical characteristics to act as
a neural stimulation material [26,27]. Although the growth and microfabrication of diamond materials
was quite complicated and expensive, this method has several advantages. First, diamond can
minimize the possibility of feedthrough failure by materials mismatch, which increases the reliability.
Also, diamonds exhibit excellent stability, good biocompatibility [28,42,46], and superb biochemical
stability [25], offering the prospect of a long-lasting implant.

Recently, through glass via (TGV) technology was reported from Waseda University as shown
in Figure 4. Similar to through silicon via (TSV) technology, TGV has several advantages, including
high wiring density, lower energy consumption, and fast signal speed, compared with conventional
wire bonding methods [46]. Air leaks from the TGV area are minimized by sandwiching the TGV
between two Au bumps fabricated simultaneously with the TGV by a simple filling process, therefore
the throughput is high compared with conventional through via technologies.
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Figure 4. Fabrication process of the base wafer: (a) Holing the substrate, (b) Au sputtering, (c) pasting
dry film resist, (d) exposure and development, (e) filling Au particles and sintering, (f) film resist
removal and sintering, (g) placing metal mask, (h) Au layer removal, and (i) metal mask removal.
Reproduced with permission from [46], published by IOPScience, 2016.

2.2. Soft Packaging and Integration

Soft packaging for medical implants borrowed the idea from the film packaging used for light
emitting diode (LED) and liquid crystal display (LCD). At present, the most commonly used film
packaging is the combination of multi-layer film to form a packaging barrier layer, also known as Barix
packaging technology [47], requiring simple preparation process and low cost. Among the available
polymer materials [41], parylene-C is the most commonly used due to its wide applications and
comprehensive advantages. Parylene-silicone-parylene film has been demonstrated for 256-channel
retina implants [48] and is expected to work equivalently for 7 years in an accelerated test [49].
Our group used ultra-thin (3.1 μm) and biocompatible organic/inorganic composite film based on
room-temperature and conformal deposition of Al2O3 and parylene C, as shown in Figure 5a [50]. The
water penetration route of such film will be significantly extended by steering the penetration path to
the organic/inorganic interface, so that combining only 5 layers can significantly improve the lifetime
for implantation. Its leakage rate was lower than 1 × 10−10 Pa·m3/s, with 58 days of the active soaking
test for a commercial humidity sensor with this composite film at 87 ◦C (Figure 5b,c), expected to have
the life time longer than 5 years [51].

In addition, liquid crystal polymer (LCP) is a new emerging material due to its high strength, high
modulus, ultra-low water absorption, and low expansion coefficient [52–54]. The completed LCP-based
retinal prosthetic device is shown in Figure 5d. The device has a circular package accommodating the
electronics with a 14 mm diameter and 1.3 mm maximum thickness for its crescent-shaped cross section,
which can be conformally attached on the eyeball. The electrode part to be inserted into the retina has a
thickness of 30 μm after the laser-thinning process which etched away the LCP starting from a 350 μm
thickness and is precurved to fit the eye-curvature. This LCP-based retinal prosthesis weighs only
0.38 g, less than a tenth of conventional implantable devices with a metal package. Considering that
the weight of an eyeball is about 5 g, this weight reduction is a significant improvement in patients’
discomfort as well as implantation stability.
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Figure 5. (a) Schematic diagram of the five-layer PA/Al2O3/PA/ Al2O3/PA film on a sensor IC; (b) active
soaking test for the film-coated humidity sensor at 87 ◦C; (c) measurement setting of the humidity
sensor after active soaking test; (d) fabricated LCP-based retinal prosthesis: (i) comparison with a dime
and the inner surface, and magnification of the retinal electrode array coated by iridium oxide, (ii) the
device on a model eye showing conformal attachment, (iii) electrode part was precurved to fit the
eye-curvature. Reproduced with permission from [55], published by IEEE, 2015.

3. Microelectrode Array for Retinal Implant

In retinal prosthesis, fMEAs are the critical interfaces between the implant system and the tissue
that deliver charge-balanced electrical stimulation to targeted retinal neuron cells [56]. Depending
on the implant sites, there three main three types of retinal electrode array as shown in Figure 1c,
i.e., an epiretinal one on the top surface of the retina, a subretinal one between the retina and retinal
pigment epithelium (RPE)/choroid, and a supra-choroidal one on the posterior scleral surface. The
following sections for the three types are reviewed in detail.

3.1. Epiretinal Electrodes

Early experiments demonstrated that electrical stimulation could restore visual signals. A single
needle was placed onto the retinal surface to simulate the retina by Humayun and co-workers, shown in
Figure 6a [57]. The pixels increased for Argus I (16 electrodes) and Argus II (60 electrodes) (Figure 6b,c).
The Argus II had been implanted in 30 patients (1 with choroideremia and 29 with RP) in the United
States and Europe between 2007 and 2009, all of them could perceive light when given electrical
stimulation. The implant is very expensive: about $150,000 without the surgery fee [7,58]. Another
typical epiretinal implant is the 49-electrode epiretinal device from Intelligent Medical Implants (IMI)
as shown in Figure 6d. Unlike Argus I and II, the power for the IMI retinal stimulator is provided
through a radio frequency (RF) links, while the stimulation data could be transmitted via an infrared
(IR) optical link to decouple the energy and data interference. It has been demonstrated that the implant
did not cause tissue damage in the eye after implanted in 4 RP subjects for over 9 months [59]. EPIRET3
is the latest retinal model from Epi-Ret that the fits entirely within the eyeball, which eliminates the
need to suture any component. It contains 25 protruding electrodes (100 μm in diameter), arranged in
a hexagonal array, resulting in lower thresholds by improving contact with the retina. It was implanted
in six RP patients in 2006 and all subjects reported visual sensations after implantation for 4 weeks [60].
In 2016, Pixium Vision in France commercialized a 150-electrode product (IRIS II) and obtained the
CE mark [61,62]. Our group also developed the 126-electrode prototype based on polyimide (PI)
substrate and Ti/Pt metal layers [63] and inserted the in the eyes of mini-pigs for 3 months with good
biocompatibility (Figure 6e). We also reported fMEA of 1025 electrodes with improved adhesion and
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reduced impedance (Figure 6f) [64,65]. The new-generation retina implant developed by our group
will be more affordable in the future.

 
Figure 6. (a) The configuration of one of the very first patient tests [57]; (b) implanted 16-channel
electrode array of Argus I [7]; (c) electrode array of Argus II implant containing 60 electrodes [66];
(d) an epiretinal stimulator with a thin-film polyimide cable of gold traces [59]; (e) 126-channel
electrode implanted in the eyes of mini-pigs by our group; (f) 1025-channel electrode fabricated by our
group [64,65]. Reproduced from the mentioned references with permission from the related journals.

3.2. Subretinal Electrodes

Compared to epiretinal implantation, subretinal implantation enables much higher stimulation
density, however, the fMEA is highly integrated with photovoltaic circuits driven only by light inside
the eyeball and has the risk of heat dissipation. There still exists disputation as to whether it could
result in the atrophy around the implant area in the long term [7]. Artificial silicon retina (ASR) from
Optobionics (a company from Chicago) was a typical implant of this kind with a 2-mm diameter
silicon-based device, containing about 5000 microelectrodes tipped microphotodiode array (MPDA).
10 RP patients were implanted with ASR and 6 of them had vision during the 7-year follow-up
observation [67]. Alpha IMS, developed by Retina Implant AG in Germany, not only used a MPDA
for wireless light detection and current generation, but also included wired circuits to amplify the
photocurrents to overcome the difficulty of low photovoltaic efficiency [10]. As shown in Figure 7a,
the device consists of an active chip with about 1500 microphotodiodes and an additional 4 × 4 array
of light insensitive titanium nitride (TiN) electrodes (50 μm × 50 μm or 100 μm × 100 μm) for direct
stimulation powered externally. Six patients, after being implanted with the device, could identify
simple patterns, and another one was able to recognize complex letters and forms [68,69].

It is vital that visual stimulation electrodes should be placed close to the target neuron cells to
achieve low threshold charge and high resolution. Palanker and co-workers compared different types
(flat, pillars, and chambers) of passive subretinal arrays and found that pillars had minimal alteration
of the inner retinal architecture as shown in Figure 7b [70]. They developed photovoltaic retinal
prosthesis adopting optical amplification instead without the need for complex electrical circuitry and
trans-scleral cabling [18,71]. Each element in the photodiode array consists of a central iridium oxide
(IrOx) electrode (Figure 7c). Photodiodes increase the dynamic range of the charge injection from the
electrodes and maintain the light energy at safe levels [72]. An MIT-Harvard group developed Boston
retinal implant which used a passive electrode array without MPDA for stimulation, and the new
generation device had 256 electrodes as shown in Figure 7d. The earlier 15-channel prototype showed
good tolerance and continued function after implanted in a mini-pig for 1 year [73].
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Figure 7. (a) The prototype of the Alpha-IMS predecessor, including 16 additional electrodes for
direct stimulation. The microphotodiode array (MPDA) consists of 1500 photodiodes on a surface
area of 3 × 3 mm [7]; (b) SEM of the microfabricated SU-8 pillar arrays, each pillar is about 10 μm in
diameter and 40–70 μm in height. Insert: a pillar array attracts retinal cells for achieving intimate
electrode-cell proximity [74]; (c) MPDA developed by the Palanker group. Insert: blown-up view of a
single stimulating element with 3 photodiodes in series [7]; (d) Boston retinal implant chip, showing
some of the 256 electrode current drivers. Insert: retinal implant concept with the secondary coil
surrounding the cornea [73]. Reproduced from the mentioned references with permission from the
related journals.

3.3. Supra-Choroidal Electrodes

The electrodes for supra-choroidal implant are relatively distant from the retina leading to higher
stimulation threshold [75]. Kim and co-workers from Seoul National University built a prototype
implant with 7-channel electrodes as shown in Figure 8a, where the reference electrode was placed on
the outer scleral surface to simplify the surgical procedures and reduce the various risks of inserting
electrodes into the vitreous [76].

 
Figure 8. (a) A suprechoroidal implant for transretinal stimulation [70]; (b) the supra-choroidal-
transretinal stimulation (STS) implant including the suprachoroidal stimulating array and the remote
return electrode [77]; (c) the Bionic Vision Australia (BVA) implant with 1 remote return and 2 other
return electrodes on the suprachoroidal array [15]. Reproduced from the mentioned references with
permission from the related journals.
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Fujikado et al. [78] developed a supra-choroidal-transretinal stimulation (STS) prosthesis as shown
in Figure 8b, containing 49 Pt electrodes array with 500 μm in diameter and 700 μm separation, while
only 9 electrodes were active. Nonetheless, it helped patients to localize objects better. Ayton et al. [15]
from the Center for Eye Research Australia (CERA) developed another supra-choroidal prosthesis with
the aim to achieve wide-view and high-resolution vision. As shown in Figure 8c, the intraocular array
consists 33 Pt stimulating electrodes and 2 large return electrodes on silicone substrate. The implant
remains stable during the Phase I clinical trial for 2 years [15].

4. Surface Modification for Electrodes

As the decreasing size of electrodes increases the impedance dramatically, it improves the
signal-to-noise ratio (SNR) and reduces the stimulation efficiency in the clinical. Nanostructures and
materials show great potential in improving the electrochemical and mechanical performances of
neural interface in spite of the limitation size of electrodes. In the following sections, different coating
materials including the key characterizations are reviewed in detail.

4.1. Metallic Materials and Their Derivatives

Noble metals such as platinum (Pt), gold (Au), and iridium (Ir) are the widely applied
neural electrode materials for their excellent conductivity, stability, biocompatibility, and corrosion
resistance [79,80]. Pt black coating was commonly formed by electrodeposition characterized with
rough structure, which could be dated back to 1894 [81,82], reducing the impedance of microelectrode
at least by a factor of 4 at 1 kHz [83,84]. However, its cytotoxicity remained a serious issue due to the
lead (Pb) additive in electrolyte, which was strictly forbidden in the clinic trials [80].

In recent years, new methods have been developed to improve the neural interfaces. Pt gray
was an alternative method without cytotoxic components patented by Second Sight [35,85,86],
which was electrodeposited at an intermediate rate slower than that of Pt black and possessed
desirable fractal morphology and stronger mechanical strength [79,86]. Pt gray had more than
sufficient chronic charge injection capacity (CIC) up to 1.0 mC·cm−2 for retinal stimulation [66],
nevertheless, its impedance and cathodic charge storage capacity (CSCc) were still undesirable for
higher density microelectrodes. To increase the electrochemical performances, Boehler et al. [80]
deposited Pt-nanograss with large surface area, reducing the impedance by almost two orders of
magnitude (at 1 kHz) and increasing the CSCc by ~40 times compared to bare electrode, shown in
Figure 9a. In addition, it also exhibited good mechanical and electrochemical stability after cleaning
and pulse testing [80]. Boretius et al. [87] introduced platinum–copper (Pt–Cu) alloys and then
removed Cu to fabricate a cauliflower-like micro-sized Pt, shown in Figure 9b. It exhibited good
electrochemical property due to its higher effective surface area. As shown in Figure 9c, other
researchers applied templating to create well-ordered and micro-structured Pt coating with good
mechanical property despite of its lower electrochemical performances than Pt black [88]. Pretreatment
could also facilitate the roughening of coating by reactive ion etching (RIE) before sputtering Pt on bare
electrode [89]. Our group has developed various well-controlled nanocrystal Pt coatings growing on
the Pt electrode using different electrodeposition methods, which are featured with strong mechanical
stability and ultra-high surface area and distinguished with randomly distributed nano-aggregation.
A novel three-dimensional (3D) nanocrystal Pt coating shown in Figure 9d provided extremely large
surface, which significantly reduced impedance of electrode by ~93% and increased its CSCc up to
~100 mC·cm−2, showing good electrochemical stability with less than 3% loss after electrical stimulation
for over 2 × 107 cycles [90].

Au was another promising material for neural electrode coating, the Au coating modified electrode
developed by Kim et al. [91] displayed 4 times lower impedance. As shown in Figure 9e, the higher
porous and interconnected Au coating obtained by co-depositing of gold–silver (Au–Ag) alloy and
then removing Ag decreased the impedance by more than 25 times [92].
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Despite of the advantages of Pt and Au, their CIC and CSCc were still limited with the shrinking
size of the electrode sites for no faradaic reaction existed [93]. Thus, materials with a higher ability
to support reversible faradaic reactions such as iridium oxide (IrOx) were applied to promote the
properties [36]. Considering the high cost and degradation/delaminate with repetitive stimulation, our
group developed IrOx/Pt nanocone composite coating (Figure 9f) by depositing a thin IrOx film on
nanocone-shaped Pt to improve mechanical adhesion, demonstrating good CSCc of 22.29 mC·cm−2,
which was about 2.8 times higher than that of pure Pt coating [94]. And we further developed novel
IrOx/Pt nanoleaf composite coating by optimizing the deposition condition to get higher CSCc more
than 400 mC·cm−2 with good stability (Figure 9g) [95], which is the best record so far.

 
Figure 9. Scanning electron microscope (SEM) of different materials: (a) Pt-nanograss coating [80];
(b) cauliflower-like Pt coating [87]; (c) the fabrication process of depositing porous structure on electrode
surface by templating [88]; (d) 3D nanocrystal Pt coating obtained by our group; (e) nanostructured
Au coating by removing Ag from the Au–Ag alloy [96]; (f) IrOx/Pt nanocone composite coating in our
group [94]; (g) IrOx/Pt nanoleaf composite coating in our group [95]. Reproduced from the mentioned
references with permission from the related journals.

4.2. Conducting Polymers

Conducting polymers (CPs) are suitable candidate coating for neural interface which have
been widely investigated, offering porous surfaces and pseudocapacitance, resulting in high
CSCc and low impedance [97]. In recent years, most researches have been focused on poly
(3,4-ethylenedioxythiophene) (PEDOT) for its higher conductivity and biocompatibility compared to
other CPs such as polypyrrole (PPy) [98]. PEDOT had higher electroactivity and stability owing to
its dioxyethylene bridging group that facilitated the charge transmit (Figure 10a) [99]. It had better
electrochemical stability after stimulating with charge density up to 3 mC·cm−2, compared to IrOx

coating [100]. However, EDOT has low solubility in water and PEDOT has poor mechanical adhesion
on the electrode because of its brittle structure [101,102]. Dopant can be introduced to improve the
structural and properties of CP coatings, for example, polystyrene sulfonate (PSS) doped PEDOT
displayed aggregation on the edge of the electrode while ClO4

− doped ones showed more even
distribution [103]. Furthermore, the performances of CP coatings could be improved by means of
structural design and surface functionalization. Abidian et al. [104] developed a 3D nanowire modified
CP coating by electrospinning, demonstrating better elasticity and more porous morphology, which
could help delivery drugs conveniently (Figure 10b). Templating was also used to create porous
structures, the surface area could be increased by decreasing the size of polystyrene (PS) sphere,
showing even lower impedance than bare electrode (Figure 10c), whereas the harmful solvents and
residues in the templates needed to be further removed [105]. In addition, bioactive molecules could be
added into the monomer of CPs in order to improve its biocompatibility and decrease the corresponding
tissue response. Cui et al. [106] integrated Tyr-IIe-Gly-Ser-Arg (YIGSR) peptide into CPs to obtain
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PPy/DCDPGYIGSR composite coating (Figure 10d) by electrodeposition. Their results showed that
neural cells grew on 83% of the electrode sites with integrated peptides while only 10% on that without
peptides. Richardson et al. [107] developed PPy/pTS/NT3 (Neurotrophin-3) which effectively avoided
the degradation of auditory neurons and promoted the growth toward the electrode (Figure 10e).
However, the long-term in vivo stability of CPs was still undesirable, which should be further studied
in future since it remained a limiting factor for implantable electrodes.

 
Figure 10. (a) Chemical structures of PPy and PEDOT [108]; (b) SEM image of PEDOT coating [109];
(c) SEM image of PEDOT obtained using polystyrene as template [105]; (d) SEM image of
PEDOT/DCDPGYIGSR composite coating [106]; (e) Neurotrophic factor combined with PEDOT
promoted the growth of neural cells [107]. Reproduced from the mentioned references with permission
from the related journals.

4.3. Carbon Materials

Carbon materials are considered as another promising candidate since their toxicity is minimal
compared to metallic materials [110]. Among them, carbon nanotube (CNT) shows the biggest
advantage as neural electrode coating because of their high surface-to-volume ratio [111] and capacitive
interfacial behavior during charge transfer [112]. Although the CIC of CNT was lower than that
of IrOx, it still showed safe stimulation in vitro [113]. CNT-coated electrode was found to be more
sensitive to cell response than Pt electrode in vitro [114]. The properties of CNT was determined
by its fabrication method. Chemical vapor deposition (CVD) was one of the most widely used
technique, but the high temperature manufacturing process constrained the choice of electrode and
substrate materials and needed additional transfer processes to polymer substrates [115]. Plasma
treatment [115] and heat treatment [116] were adopted to remove amorphous carbon formed on the
surface of CNTs during CVD process, which helped increasing 2-fold in capacitance but reduced
the mechanical stability [116]. Furthermore, its high hydrophobicity significantly limited charge
injection at the interface [113]. Thus, plasma treatment could be applied to form hydrophilic chemical
bonds such as C–OH, C=O and OH–C=O, and the water contact angle could be also decreased by
ultraviolet (UV)-ozone treatment (~145◦) as shown in Figure 11a [115], leading to the increase of
capacitance up to 80 folds. It could also promote the attachment and differentiation of neural cells
to some degree in vitro, shown in Figure 11b [117]. Meanwhile, amination could further improve
the electrochemical performance of CNT (Figure 11c) [118]. Almost no detachment occurred on the
substrate after sonication, showing great adhesion strength (Figure 11d) [118]. However, their potential
biotoxicity was still the main disadvantage.

In contrast, graphene bypassed this problem due to its planar geometry as well as good
biocompatibility, leading to enhanced adhesion and viability [119]. Electrophoresis was usually
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employed to obtain graphene oxide (GO, Figure 11e) which exhibited high conductivity of 2000 S/m
and low impedance, however, its smooth morphology limited its CSCc lower than CNT [120,121]. The
GO coating exhibited good cell viability more than 90% (Figure 11f), and it could reduce tissue responses
with microglia and astrocytes distribution scattered around the coating in vitro study (Figure 11g) [122].

 
Figure 11. (a) Transmission electron microscope (TEM) of multi-walled carbon nanotube (MWCNT)
with amorphous carbon before and after plasma treatment [115]; (b) fluorescent images of neuron cells
cultured on as-grown carbon nanotubes (CNTs) and UV-ozone-modified CNTs, and corresponding
SEM images [117]; (c) Process flow of MWCNT amino-functionalization [118]; (d) the percentages of
CNTs remaining after 5 min sonication vs. microwave treatment time at various powers [123]; (e) SEM
image of reduced graphene oxide (GO) coating [124]; (f) SEM images of neural cells attached well to
GO coating [125]; (g) histological studies of tissue response to GO coating [122]. Reproduced from the
mentioned references with permission from the related journals.

4.4. Composite Coatings

Although different materials have been studied for neural interfaces, no ideal material can
perform well on all properties including electrical, mechanical, and biological. Hence, composites
have been recently considered an attractive option to take advantages of several materials and bypass
their disadvantages. Ferguson et al. [126] fabricated Au-CNT composite coating by combining the
advantages of both materials, the mechanical adhesion was inherently improved as well as its surface
area. The impedance of Au-CNT could be reduced by at least 10 times with much higher CSCc

than that of activated iridium oxide film (AIROF), while the CIC was less than 1 mC·cm−2, since
only a small amount of Faraday charge transferred between the tissue–electrode interface [126]. IrOx

could be used as an encapsulation layer for carbon bracket, which not only promoted more charge
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exchanging but also prevented carbon releasing [127]. Connecting IrOx to CNT through the carboxylic
acid groups improved the strength between them, leading to high effective surface area (Figure 12a)
and much higher CSCc of 101.2 mC·cm−2 than pure IrOx (Figure 12b) [127]. Moreover, IrOx could
be combined with reduced graphene oxide (RGO) or GO to form composite coatings, among which
IrOx-GO showed larger CSCc because of its rougher surface (Figure 12c) and remained more than
10% higher CSCc than that of pure IrOx and IrOx-CNT after 1000 CV cycles, demonstrating great
electrochemical stability [128,129].

 
Figure 12. (a) TEM image of IrOx-CNT composite coating [127]; (b) Cyclic voltammetry (CV) curves of
bare Pt, IrOx, and IrOx-CNT coated electrodes in PBS (pH= 7.4) at sweep rate of 20 mV·s−1 [127]; (c) SEM
image of IrOx-GO composite coating [129]; (d) SEM image of SWNT-PPy composite coating [130];
(e) Influence of peptide bond on PEDOT/PSS/MWCNT composite coating [131]. Reproduced from the
mentioned references with permission from the related journals.

In addition, combining CPs with nanostructured carbon materials (NC) like CNTs may also
provide a highly electroactive, mechanically strong, and biocompatible coating. Zhou et al. [132]
doped multi-walled CNT (MWCNT) in PEDOT to get PEDOT-MWCNT composite coating, exhibiting
superior stability to pure PEDOT coating with only 2% loss of CSCc after electrochemical stimulating for
96 h under 3 mC·cm−2 pulse. Compared to co-deposition of CP-NC coatings, electrodeposited CPs on
NC layer by layer was more controllable (Figure 12d), the 3D independent topography could provide
rougher surface to transfer charge with more electroactive points [133]. Hydrogels, biomolecules, etc.
were often incorporated into the coating to further improve the biocompatibility, which was shown
to benefit in vivo recording supported by more active channels and higher signal power than pure
coating (Figure 12e) [131]. Anti-inflammatory drugs could also be incorporated in those composite
coatings for alleviation [134].

5. Conclusions

This review summarizes the micro/nano technologies for high-density implantable packaging
and fMEA as well as high-performance coating materials in the retinal prosthesis, which are crucial
to achieve high resolution. Implantable biomedical component encapsulation is important, and
high density, air tightness and biocompatible electronic packaging is an inevitable choice to build a
sealed cavity with mechanical support performance and biological compatibility. Also, high-density
microelectrode arrays should be capable of precise stimulation, while high-performance coating
materials would help improve the implanted electrodes equipped with high CSCc and CIC, and
corresponding low impedance to ensure safe stimulation efficiently. It is worth considering that
the chronic encapsulation, high-density fMEA together with high-performance coating materials
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contribute to high-density retinal implants, which lead to higher resolution, however, such hardware
improvements need to be combined with better stimulation strategies and the latest progress in
neuroscience and ophthalmology to realize the precise, effective, and chronic artificial vision.

Although the performance of retinal implants has been significantly improved through
development in the past few decades, the design of the overall components is far from perfect, especially
for high-density implants. There are still great challenges in high-density fabrication and integration,
low invasiveness, power consumption, and high biocompatibility in the future. New concepts and
materials are being introduced in the research of artificial vision, such as optogenetics [135], gene
therapy [136], flexible photovoltaic films [137], and nanowire [138]. Future research efforts should target
a more solid advancement in electronics, microfabrication, material science, and new biotechnologies
in order to better understand retinal processing, so that the retinal implant will be easily accepted by
the public with low cost.
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Abstract: To improve the drag-reducing and antifouling performance of marine equipment, it is
indispensable to learn from structures and materials that are found in nature. This is due to their
excellent properties, such as intelligence, microminiaturization, hierarchical assembly, and adaptability.
Considerable interest has arisen in fabricating surfaces with various types of biomimetic structures,
which exhibit promising and synergistic performances similar to living organisms. In this study,
a dual bio-inspired shark-skin and lotus-structure (BSLS) surface was developed for fabrication on
commercial polyurethane (PU) polymer. Firstly, the shark-skin pattern was transferred on the PU
by microcasting. Secondly, hierarchical micro- and nanostructures were introduced by spraying
mesoporous silica nanospheres (MSNs). The dual biomimetic substrates were characterized by scanning
electron microscopy, water contact angle characterization, antifouling, self-cleaning, and water flow
impacting experiments. The results revealed that the BSLS surface exhibited dual biomimetic features.
The micro- and nano-lotus-like structures were localized on a replicated shark dermal denticle. A contact
angle of 147◦ was observed on the dual-treated surface and the contact angle hysteresis was decreased
by 20% compared with that of the nontreated surface. Fluid drag was determined with shear stress
measurements and a drag reduction of 36.7% was found for the biomimetic surface. With continuous
impacting of high-speed water for up to 10 h, the biomimetic surface stayed superhydrophobic.
Material properties such as inhibition of protein adsorption, mechanical robustness, and self-cleaning
performances were evaluated, and the data indicated these behaviors were significantly improved.
The mechanisms of drag reduction and self-cleaning are discussed. Our results indicate that this method
is a potential strategy for efficient drag reduction and antifouling capabilities.

Keywords: shark skin; lotus-like structure; drag reduce; antifouling; hydrophobicity

1. Introduction

In marine infrastructures, such as ship hulls, wave-energy collectors, and undersea pipelines,
high drag forces and biofouling are the two biggest pernicious effects [1–5]. Once fouling settlements
are formed on immerged surfaces, they are very difficult to remove, even shortly after their formation.
For a forward-moving watercraft, hydrodynamic drag and fuel consumption increase along with
the occurrence of biofouling, which significantly decrease the operating speed and cruising distance.
Previously, tributyltin self-polishing copolymer coatings were widely used to deal with biofouling
on ships [6]. However, they were banned globally for the protection of the ocean environment and
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marine organisms due to their toxic properties. Thus, developing an effective and environmentally
friendly antifouling system has been a subject of immense interest [7]. Many structures, materials, and
surfaces observed in nature have inspired researchers to understand their basic principles, such as
their intelligence, microminiaturization, hierarchical assembly, and adaptability. Some achievements,
for example, rebuilding structures and materials of living creatures, have led to practical applications
in the field of materials science and design [8,9].

Shark skin is a well-known example of a material that exhibits efficient drag reduction and antifouling
performance. The skin contains minute individual features, called dermal denticles, which are parallel to
the swimming direction. It has been proved that these microstructures reduce the formation of vortices,
which results in water flowing easily across the shark skin [10]. The water layer near the skin moves faster
and reduces the settling time of microorganisms. This eliminates the duration of fouling agglomeration and
thus avoids the occurrence of strong adhesion between the substrate and fouling settlements. However,
a certain number of microorganisms can still be found on shark skin. Some fouling settlements tend
to adhere to particular grooves of shark skin, which is especially serious for artificially replicated shark
surfaces. In nature, another well-known example of an antifouling material is the superhydrophobic lotus
leaf. Water droplets from rainfall collect contaminated particles and carry them away to protect the leaves
from pathogens [11,12]. Wax and hierarchical structures on the lotus leaf are reported to do this. Inspired
by lotus leaves, numerous artificial superhydrophobic surfaces have been fabricated on various substrates
such as tiles, textile, and glass [13,14]. Further, it was found that lotus-like materials and surfaces also
reduce drag. To achieve superhydrophobicity, rough structures, especially the nanomorphologies, play
a critical role. Silica is a widely researched nanoparticle which allows the formation of stable nanostructures.
By spraying polymethyl methacrylate and a hydrophobic nanoscale silica compound onto a hydrophilic
steel substrate, Wang et al. reported that effective drag-reduction behavior was found during a sailing
test [15]. Tuo et al. showed that drag reduction was decreased by 20% on a superhydrophobic surface
when the flow velocity was between 2 and 5 m/s [16]. However, compared with biomimetic shark-skin
surfaces, the drag reduction of artificial lotus-like surfaces was much lower, and the mechanism of this
effect is still under investigation.

Recently, different technologies that introduce bio-inspired functions have been investigated to
create surfaces that exhibit excellent and synergistic performances similar to living organisms. Additive
manufacturing was used to design microriblet features, and a 3D-printed shark skin demonstrated almost
10% average fluid drag reduction [17]. Lu used chemical deposition to fabricate a micro–nanohierarchical
structure for superhydrophobicity and drag reduction. The results indicated that the nanostructure may
help the superhydrophobic surface exhibit drag reduction properties [18]. However, the connection
between microscale and nanoscale features (such as the surface functions of shark skin and lotus-like
structures) has not been completely revealed [12,19,20]. It is believed that superimposing patterns of
a shark-skin surface (BS) and a lotus-like structure (LS) at the microscale and nanoscale, respectively,
would produce a dual-function surface possessing both efficient drag reduction and antibiofouling
performance. Therefore, the aim of this study was to develop a bio-inspired shark-skin and lotus-structure
(BSLS) surface and for use in marine equipment applications. To achieve this, the hierarchical structure
was introduced on polyurethane (PU) polymer. A vacuum casting procedure was selected to produce
shark-skin-like micromorphologies. Mesoporous silica particles of a size similar to lotus-like structures
were deposited on the replicated shark surface throughout the spraying process. The biomimetic
surfaces were evaluated with various measurements. The morphologies were observed by scanning
electron microscopy. The surface wettability was conducted by water contact angle (CA) measurements.
Finally, antifouling, self-cleaning, and liquid drop impact experiments were carried out to illustrate the
mechanism of their synergistic effect.

2. Materials and Methods

The tiger shark (Heterodontus japonicus) was chosen for the template and was obtained from
a fisherman in Xiamen, China. Shark skin from the posterior part was selected. 3-(aminopropyl)
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triethoxysilane (APTES) was used to disperse the nanoparticles and was purchased from Shanghai
Macklin Biochemical Co., Ltd (Shanghai, China). Liquid polyurethane (PU, Sigma-Aldrich, Shanghai,
China) was selected to replicate the shark skin. It was constituted with a two-component precursor and
curing agent. Mesoporous silica nanospheres (MSN, diameter = 185 ± 30 nm) were purchased from
Rizhao biotech company. The glutaraldehyde, alcohol, and acetone reagents were all analytical grade.

BS samples were fabricated by a typical vacuum casting process. Prior to the casting process,
pretreatment of the shark skin was conducted. The soft tissue under the rigid shark skin was carefully
removed. After the skin template was flattened and fixed to a rigid mold, it was immersed in 5%
glutaraldehyde for over 2 h. Then, the template was rinsed with deionized water at least three times.
Graded ethanol was used to conduct the dehydration process, which avoided deformation from excessive
water loss during the typical drying process. Repeated rinsing was performed and concentrations of
30%, 50%, 75%, 80%, 95%, and 100% ethanol solution were applied every 20 min for each step. After
keeping the template in a thermostat at 48 ◦C (Kewei 101, Beijing, China) for over 12 h, the pretreated
template was ready for replication.

The detailed procedure for fabricating the BSLS surface is illustrated in Figure 1. Firstly, the treated
template was localized on a plastic plate. A compound of liquid silicon precursor and curing agent
was poured and the average of thickness of the liquid silicon was controlled to 2.5 mm. In order to
make sure the liquid silica was fully adapted to the shark-skin template, all processes were conducted
in a vacuum chamber. By carefully stripping the template, the silicon negative mold was obtained.
Liquid polyurethane was poured and cured to complete the precise positive duplication. The third
step was to spray the modified silica particles onto the replicated shark-skin surfaces to introduce the
lotus structure. For the modification, mesoporous silica nanospheres were first dispersed uniformly
in acetone solution. APTES with a concentration of 5% was added and used to modify the MSN.
After sonication for 5 min, a good dispersion of MSNs was achieved and the radical groups of APTES
strongly bonded the nanoparticles to the substrates [21]. The dispersed nanoparticles were sprayed on
the BS surface by a spraying gun. Different concentrations were used to achieve various coverages of
3.75, 4.25, 5, and 7.5 × 10−3 mg/mm2. Samples were denoted as BSLS1–BSLS4, respectively.

The morphologies of the real shark skin, the negative mold, and the replicated PU samples were
observed by field emission scanning electron microscopy (SEM, MAIA3 LMH, TESCAN, Warrendale, PA,
USA) and 3D laser confocal microscopy (OLS4000, Olympus, Tokyo, Japan). The well-dispersed mesoporous
silica nanospheres were checked by transmission electron microscopy (TEM, JEOL JEM-2100Plus, Tokyo,
Japan). The chemical composition of the silica nanospheres was obtained with an energy-dispersive
spectrometer (EDS, OXFORD instruments, Abingdon, UK) and attenuated total reflectance–Fourier
transform infrared spectroscopy (ATR-FTIR) (TENSOR27, Bruker, Karlsruhe, Germany).

Static CA was measured by a video-based contact angle system (JC2000D2A, Powereach, Shanghai,
China) at room temperature. Young–Laplace fitting was applied to calculate the CA value. Three
different regions were tested, and mean CA was regarded as the apparent CA. The effect of the proposed
BSLS approach on the dynamic surface wettability was analyzed. The advancing contact angle and
receding contact angle were calculated to obtain the contact angle hysteresis (CAH). For each CAH
measurement, three different positions for each sample were tested.

The drag reduction of the BSLS surface was evaluated by a rheometer apparatus as described
in [22,23]. Figure 2 shows the overview of the rheometer apparatus (MCR302, Anton Paar, Graz,
Austria). The sample was fixed underneath the rotary plate. To keep the denticles in the same direction
relative to the flow, the samples was cut into small parts and then they were oriented in the circle
direction in the rheological experiment. We then carefully used the glue to adhere each part. Artificial
seawater (1 mL) was injected into the gap of the rotary plate and BSLS surface. Here, the gap (h) was set
to 1 mm and the rotation direction was along with the shark denticles. The velocity of the upper rotor
plate was set to 100 rpm, and the drag reduction ratio was measured using the following equation:

Drag reduce % =
τnonslip−τslip

τnonslip
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where τnonslip and τslip represent the shear stresses at the wall when no-slip and slip boundary
conditions were used, respectively.

 

Figure 1. Process of synthetic replication of shark skin and lotus surface.

 

Figure 2. The schematic of the rheometer apparatus for measuring drag reduction, for which dermal
denticles were oriented along the water flow.

Self-cleaning properties were investigated by contaminating the BSLS surface with simulated
pollution. Hydrophilic silicon carbide (SiC, Sigma-Aldrich, Shanghai, China) particles were used as
simulated pollution. The size of the SiC particles ranged from 10 to 15 μm. SiC particles were chosen
because of their performance similarity to natural dirt (shape, size, and hydrophilicity). SiC particles
(300 mg) were gently sprayed onto the samples. Samples were localized on a tilted plate (30◦) and
water droplets were dripped from a specified height (30 ± 2 mm). The dripping was controlled at
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a constant rate (total duration of 1 min using 5 mL of water). The self-cleaning efficiency was calculated
according to the weight variation before and after dripping.

Antifouling properties were evaluated by protein adsorption and protozoan colonization.
For protein adsorption, samples were cut into blocks with size of 72 mm2 (6 by 12 mm) and soaked in
a Bovine Serum Albumin (BSA) solution (0.5 mg/mL and pH ~7.4) for 6 h at room temperature. Using
the Bradford method [24], the residual of BSA within the solution was measured. By subtracting its
initial concentration, the adsorption of BSA was calculated. An ultraviolet spectrophotometer (UV-3600,
Shimadzu Co., Kyoto, Japan) with a wavelength of 595 nm was used to measure the absorbance of
the solutions. The amount of adsorbed BSA protein on the samples was represented in the form
of μg/cm2. For protozoan colonization, samples were cocultured with protozoan suspension with
a concentration of 1 × 103 protozoans/mL. After 48 h, samples were taken out, washed with distilled
water, and observed under an optical microscope. The number of viable protozoans was counted and
three different points were measured for each sample.

To evaluate the robustness of the biomimetic surface, samples were exposed to water with
continuous impacting. The velocity was set to 1.0 m/s. After every hour, samples were taken out and
dried totally. The contact angle was measured. For all the wettability tests, 5 μL of distilled water was
dipped on the specimens by a microliter syringe, and each specimen was tested thrice to obtain the
mean value. We further measured the mechanical robustness of the BSLS surface. Sandpaper abrasion
was used to study the wear resistance properties. A 1 by 1 cm2 sample was fixed on the bottom of
a 50 g weight (4.9 KPa). The sample was then uniformly slid onto 600 grit sandpaper (Zhangshi Co.,
Shenzhen, China). Each abrasion cycle spanned 10 cm in a forward motion. After 100 cycles, the worn
morphologies were observed under SEM.

3. Results and Discussion

3.1. Surface Characterization

Mesoporous silica nanospheres were selected due to their morphological similarity to lotus-like
structures and ease of chemical modification with biomolecules. Additionally, mesoporous silica
nanospheres are theranostic agents and carriers for drug delivery [25,26], which could be considered
as a potential application in loading antifouling agents for release. TEM was used to observe the
fine features of the mesoporous silica nanospheres. As shown in Figure 3a,c, the diameter of the
nanospheres was in the range of 162–185 nm and a hollow structure was observed. After modification
with APTES, the diameter was in range of 228–261 nm (Figure 3b,d). The EDS map of one single
nanosphere confirmed that it mainly consisted of Si and O elements (Figure 3e). Carbon elements
were also observed, which indicated that APTES was successfully grafted on the silica nanosphere.
The FTIR spectra of modified silica nanospheres are shown in Figure 3f. The typical absorption peaks
of SiO2 materials were observed, such as Si–O–Si symmetric stretching (798 cm−1), Si–OH asymmetric
vibration (950 cm−1), and Si–O asymmetric vibration (1108 cm−1) [27]. The peak at 2950 cm−1 was the
C–H stretching, which further confirmed the grafting of APTES.

Figure 4 shows the morphologies of the original shark skin, the negative mold, and the replicated
PU substrate. The replicated PU sample (Figure 4c) exhibited almost the same surface features as that
of the denticles on the real shark. Figure 4b shows the negative mold of silicone, which showed more
well-defined structures and higher integrity than the original shark skin. This was attributed to the
good seepage characteristic of liquid silicone, which was capable of filling in the cavities of the mold
before it was fully cured. As shown in Figure 4f, the horizontal curve section describes the central
section of one single denticle (red line marked in Figure 4e). The pitch of the groove was around 70 μm
and the height was around 25 μm. The results indicated the high replication precision of geometrical
morphology, and the obliquity of the scales was maintained during the fabrication process.
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Figure 3. Mesoporous silica nanospheres used in the study. (a,b) are illustrations of bare mesoporous
silica nanospheres and mesoporous silica nanospheres modified with 3-(aminopropyl) triethoxysilane
(APTES). (c,d) are the corresponding transmission electron microscopy (TEM) images, (e) chemical
composite, and (f) Fourier transform infrared spectroscopy (FTIR) spectrum of mesoporous silica
nanospheres modified with APTES.

Figure 4. SEM and surface profile of shark skin, negative mold, and replicated polyurethane (PU)
coating: (a) pretreated shark skin, (b) negative mold, (c) replicated shark surface, (d) side view of
dermal denticles, (e) confocal microscope image, and (f) the section profile of dermal denticles that was
marked in (e).

Micrographs of nanospheres at different concentrations on dermal denticles are shown in Figure 5.
A homogeneous distribution of mesoporous silica nanospheres was observed on all samples. As the
spraying concentration of mesoporous silica nanospheres increased, more lotus-like structures were
found on dermal denticles. The results imply that the BSLS surface possessing dual biomimetic
morphologies was successfully fabricated. By combining microcasting and spraying, the BSLS surface
exhibited the surface features of shark skin and hierarchical lotus-like structures. By adjusting the
concentration of MSN, various coverages of lotus-like structures were achieved.
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Figure 5. SEM micrographs were taken at a 10◦ tilt angle showing the morphologies of the shark-skin
and lotus-structure (BSLS) samples with different concentration modifications of mesoporous silica
nanospheres: (a–d) represent 3.75, 4.25, 5, and 7.5 × 10−3 mg/mm2, respectively; (e–h) correspond to
the red area in (a–d).

3.2. Surface Wettability

To investigate the effect of mesoporous silica nanospheres on the surface wettability, the static
contact angle, and contact angle hysteresis were measured on the BSLS samples. As shown in Figure 6a,
flat PU had a contact angle around 83.1◦, indicating hydrophilicity. The contact angle of the replicated
shark-skin surface was 118.1◦ and increased by 42% compared with that of flat PU. The contact angle
hysteresis for flat PU and replicated shark skin was higher than 30◦, which indicated that there was high
adhesion between the surface and water. After being sprayed with nanospheres, the contact angles for
all substrates were increased. When the flat surface was modified with MSNs, the surface wettability
improved slightly, for example, 86.6◦ for LS1 and 98.2◦ for LS2. For the replicated shark skin, the contact
angle increased dramatically to 147.2◦ with the MSN modification (e.g., the BSLS2 sample) and the
surface was close to being superhydrophobic. Importantly, this combination has been shown to create
a rough surface structure and low-surface-energy nanospheres when fabricating superhydrophobic
surfaces. As it was observed, the dual-structured surface for the contact angle hysteresis had a lower
value compared with that of the flat and replicated shark-skin surfaces, respectively.

To effectively fabricate a water-repelling surface, an effective air film between the surface and
water droplets is fundamental. Here, air was easily trapped by the rough structure of the samples.
The wetting mode of the hydrophilic surface could be considered using the Cassie–Baxter wetting
mode, which is mainly used to describe a heterogeneous wetting regime [28]. In this study, the prepared
BSLS surface was considered as a typical composite solid–air surface. Proof was provided by the
Cassie–Baxter equation [29,30]:

cos θw = Φs(cos θe + 1)–1

where Φs is the area ratio between liquid and solid contact. It built the relationship between the
apparent contact angle (θw) of the composite interface and its intrinsic contact angle (θe). The surface
became more hydrophobic as Φs increased. A large fraction of air could be trapped by interstices of
the microstructures. Water droplets were mainly localized on peaks of the surface and had difficulty
penetrating the interstices between the different topographical peaks. With the MSN modification,
the synergistic effect of microroughness and MSNs may have caused the lower CAH. These results
indicate that surface morphology, especially the nanoscale features, had a more significant effect on
controlling the surface wettability. However, this enhancement was not obvious when the number of
nanospheres was higher than 5 × 10−3 mg/mm2. This could have been due to fewer morphological
changes if the concentration of nanospheres was increased to a certain value and a certain amount
of aggregation. At the same time, the structures, such as those shown in Figure 5c,d, did not trap
sufficient air in the structure for a low CAH and high CA.
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Figure 6. Bar charts showing the measured static contact angle and contact angle hysteresis. Four
different spraying concentrations were used for the flat PU and replicated shark skin: 3.75, 4.25, 5,
and 7.5 × 10−3 mg/mm2. Samples were denoted as lotus-like structure LS1–LS4 and BSLS1–BSLS4,
respectively. (a) static contact angle and contact angle hysteresis for Flat PU and BS samples, (b) static
contact angle and contact angle hysteresis after spraying SiO2 * p < 0.05 different and ** p < 0.01
significantly different from contact angle (CA) measured on flat PU by One-way ANOVA.

3.3. Drag Reduction Performance

The drag reduction behavior of the BSLS surface was characterized by a rheometer apparatus.
Figure 7 shows the shear stress under constant flow velocity in the simulated seawater environment.
In the test condition, the mean shear stress of flat PU was 5.41 Pa, which was the highest among all
samples. For the replicated shark surface, the mean shear stress was 3.73 Pa. It decreased by 31%,
exhibiting a good reduction of shear stress and drag force. When the replicated shark surface was
further modified with MSNs, all surfaces showed lower shear stress values compared with that of flat
PU. For a lower concentration modification, the shear stress was decreased (i.e., BSLS1 and BSLS2)
even less than that of the replicated shark surface. The drag reduction of BSLS2 was lower than 36.7%,
which was near that of the original shark skin (39.0%). When the concentration was further increased
(i.e., BSLS3 and BSLS4), the shear stress decreased less. The drag reduction was 20.2% and 18.5%
for BSLS3 and BSLS4, respectively. Generally, the relative velocity was considered to be zero at the
boundary between the solid wall and liquid. This was widely characterized as a no-slip boundary
condition. In our study, the velocity of fluid appeared to a nonzero for BSLS surfaces. An air layer
was considered to form in interstices of the biomimetic surface. This layer acted as an air pad and
a shear-reducing boundary was formed between the solid surface and the fluid, which significantly
reduced the drag force. Previous works have shown that a shark-skin-like surface encourages the
formation of secondary small eddies inside the riblet spacing [31–33]. A more detailed investigation of
the effect of the BSLS surfaces on drag reduction is presently being carried out.
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Figure 7. The shear stress for different samples.

3.4. Antifouling and Self-Cleaning Performance

Protein adsorption is the first step of biofouling, which is undesirable for most marine applications.
Evaluating the adsorption amount of protein on a surface is regarded as a common way of estimating
antibiofouling performance. For the antifouling study, the BSA adsorption of flat PU, replicated shark
skin, SiO2-nanosphere-modified PU, and BSLS samples was measured. As shown in Figure 8, the BSA
adsorption varied for the different samples. For the replicated shark-skin surface, the microroughness
increased the BSA adsorption (44.2μg/cm2) due to the enhanced surface contact area. The microroughness
provided more sites for the adsorption of protein molecules [22]. With SiO2 nanosphere modification,
the amount of BSA adsorption decreased. The lowest adsorption level was observed on BSLS2 (8.75 versus
39.27 μg/cm2 for flat PU), indicating a significant enhancement in resistance to protein adhesion. This can
be attributed to the enhanced hydrophobicity due to the combination of replicated shark skin and
SiO2 nanospheres. As a result of nanoscale roughness (SiO2 nanospheres), protein resistance was
expected to be increased due to the water barrier, which would be caused by the enhancement of
superhydrophobicity [34,35]. A physical barrier would form to prevent direct interaction between the
surface and the protein. The intermediate wettability of the nanostructured surfaces would promote
and induce the conditions for forming protein aggregates and nucleation. In this study, the increase in
nanoscale roughness alongside the enhancement of hydrophilicity was the main reason (e.g., decreasing
~78% of protein adsorption for biomimetic surfaces (BSLS2)). Additionally, the surface negative charge
was improved due to the hydrolyzed hydroxyl groups, which were derived from the deposited SiO2

nanoparticles. These generated a synergistic improvement of protein resistance [36,37]. Meanwhile,
the sliding time of droplet was measured when samples was fixed on the tiled platform. As shown in
Movie S1 (Supplementary Materials. Movie S1), for the flat and LS samples, both of water and milk
were stuck on the surface. On the contrary, less adhesion and short sliding time were observed on the
replicated shark skin and BSLS surface. On a 12 mm sliding distance, it took 610 ms for the replicated
shark skin while it took 360 ms for BSLS surface when the test medium was water. Similar phenomenon
was observed when the test medium was milk.

Settled protozoans were visualized by a Zeiss optical microscope. As shown in Figure S1 (Supplementary
Materials. Figure S1), the highest density of settled protozoans was observed on the BS surface. A significantly
lower density of protozoans was found on the LS surface. Compared with the flat sample, the settlement
density was further reduced on the BSLS surface. Protozoa adhesion was a dynamic process and was
influenced by various factors. The microstructure of BS provided a sufficient location for protozoa settlement.
Protozoans accumulated on the BS surface. After SiO2 was deposited, the physical barrier and lower surface
energy made the BSLS surface ideal for antifouling.
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Figure 8. The amount of adsorbed BSA on the surface measured by the Braford method. * p< 0.05 different
and ** p < 0.01 significantly different from adsorbed BSA measured on flat PU by One-way ANOVA.

The self-cleaning performance of the samples was evaluated by measuring the residual mass of the
pollutants after washing. The reduced residual amount was due to the better antifouling performance
of the samples. As shown in Table 1, the residual mass of pollutants for the modified surface decreased
compared with that of the flat surface. The residual mass of pollutants was 13.4 mg for the flat surface.
Due to MSN spraying, the residual mass of the contaminant was significantly decreased, almost less
than 30% of the flat sample. For the BS surface, the residual mass was slightly reduced by about 23%.
However, for the dual biomimetic BSLS surface (e.g., BSLS2), the pollutants were almost removed.

Table 1. Measured residual mass of the samples.

Samples Flat PU LS1 LS2 LS3 LS4
Replicated
Shark Skin

BSLS1 BSLS2 BSLS3 BSLS4

Δm (mg) 13.4 ± 2.3 12.1 ± 2.4 12.5 ± 2.6 13.2 ± 3.1 13.1 ± 2.9 9.2 ± 1.9 3.5 ± 0.9 3.1 ± 0.8 3.4 ± 1.1 4.1 ± 1.2

3.5. Surface Duration

Considering most practical applications, functionality and superhydrophobicity must remain
stable for a long time, which is very difficult to achieve. To evaluate their robustness, the samples were
exposed to a sustained water flow. The speed was controlled at 1.0 m/s and the duration of impacting
was 10 h. The evolution of the contact angle is shown in Figure 9a. It can be observed that the surface
wettability of BSLS was quite stable. After 10 h of water flow, the contact angle slightly decreased from
156◦ to 145◦. Commonly, the hydrophobic property is gradually weakened after exposure to humid
conditions for a few hours. Also, if MSNs were lost or removed by water impacting, it would influence
the performance of the BSLS surface (e.g., a sharp decrease of the water contact angle). The results
showed that the finished surface was almost the same hydrophobicity of the initial surface. There was
little damage to the nanomorphologies after a long duration of flow impacting, which indicated that
the BSLS surface exhibited long-term stabilization. The integrity of the exposed surface was further
verified by SEM, as shown in Figure 9b,c. The top and section views confirmed that the biomimetic
surface retained a similar profile to when it was prepared. One reason for this was the strong interaction
between SiO2 nanospheres and the replicated shark skin. Another reason was the relevant reduction
of flow drag caused by the effect of the dermal denticles. An interesting observation was that when the
water jet impacted the samples, it rapidly bounced off their surface. This phenomenon indicated that
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the typical Cassie–Baxter wetting state existed on the biomimetic surfaces, which extremely weakened
the interaction between the BSLS surface and water. Thus, less damage occurred.

 

Figure 9. Durability of the biomimetic surface. (a) The evolution of contact angle with water impacting,
(b,c) top and section views of the surface after 4 hours’ impacting, and (d) section view of the surface
after 10 hours’ impacting. The sample of BSLS2 was used.

We further measured the mechanical robustness of the BSLS surface. As shown in Figure 10,
the flat PU was covered with various ploughs. With MSN modification, the wear resistance was
significantly improved and less ploughs were observed. For the BS surface, several riblets were severely
damaged, while the surface remained stable for the BSLS sample (Figure 10d). Compared with the flat
surface, the wear resistance of the BSLS surface was greatly improved.

 

Figure 10. SEM of surfaces after abrasion with sand paper: (a) flat sample, (b) LS sample, (c) BS sample,
and (d) BSLS sample.
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3.6. Antidrag and Antifouling Mechanism

The experimental evidence showed that the BSLS surface with an optimized nanosphere
concentration achieved significant drag-reduction and fouling-resistance effects, thus demonstrating its
potential application in decreasing energy consumption during sailing. Many studies have confirmed
that surface wettability is regulated by surface roughness [30,38]. In this study, the biomimetic
morphology was fabricated on PU. Superhydrophobicity was achieved by the synergistic effect of the
replicated shark skin and MSNs. Previous researchers have revealed that drag is mainly influenced by
the slippage between the liquid and the contacted solid [23,39]. For the hydrophobic surface, air layers
existed according to the Cassie model. When the biomimetic sample was immersed in distilled water,
the surface was wrapped by different types of bubbles, as shown in Figure 11. As marked in the red
area, small bubbles were mainly observed on the LS surface, while big bubbles were mainly observed
on the replicated shark-skin surface. For the BSLS samples, both small and big bubbles were observed.
The slippage of the specimen underwater was the result of interactions among the molecules of the solid
surface, air bubbles, and liquid, which were regulated by the surface roughness, surface wettability,
and shearing rate. Commonly, air bubbles between the solid and liquid interface is the main reason for
increasing the slip length.

Figure 11. Antidrag and antifouling mechanism.

Combining the results of the water impacting experiments and the contact angle measurements,
the slipping of water indicated that the chance of forming large air bubbles was improved on the
replicated surface, especially for the BSLS surface. This enhanced effect makes the liquid and even
contaminants more easily removed from the top of the contacted surfaces. As described in our and
others’ research, kinematic viscosity notably declined and, thus, self-cleaning was achieved, which
converted the solid–liquid contact mode into the solid–air–liquid mode [40]. Moreover, small bubbles
merge in bigger bubbles or thick air layers, which acted as a barrier or air pillow and caused adhesion
to lessen [26,41].

4. Conclusions

To create durable bio-inspired surfaces with superhydrophobic, antidrag, and self-cleaning properties,
dual biomimetic morphologies were developed for use on commercial PU. Two steps were involved
in the fabricating process: Microcasting and nanosphere spraying, which created both the shark-skin
microdenticles and the lotus-like nanofeatures. The results showed that it was possible to realize a larger area
and high replication precision by microcasting. The subsequent spraying made the samples exhibit hybrid
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micro/nanostructures with excellent replication of the shark-skin microstructure. The spraying amount
was the key factor affecting and controlling the CA and CAHs. At the concentration of 4 × 10−3 mg/mm2,
the dual biomimetic surface showed near superhydrophobicity and the lowest contact angle hysteresis.
The water contact angle was 147◦, which was 29◦ higher than that of the unsprayed BS surface. The BSLS2
specimen exhibited excellent drag-reduction and self-cleaning performances. Compared with flat PU,
the drag reduction and self-cleaning for BSLS2 were almost increased by 36.7% and 76%, respectively.
The robustness of the BSLS surface was verified by sandpaper abrasion and long-term water impacting.
The air-bubble layer that existed at the contact surface was believed to have had a significant impact
on the drag-reduction and self-cleaning performances. This surface manufacturing technique is fast
and feasible and results in the surface possessing better self-cleaning, antifouling, and drag-reduction
capabilities. It is believed that this method is an effective strategy that has promising industrial applications
for practical utilizations.

Supplementary Materials: The following are available online at http://www.mdpi.com/2072-666X/10/7/490/s1,
Figure S1: Optical images of protozoa adhesion on different samples. (a) flat sample, (b) LS, (c) BS, and (d)
BSLS. The scale bar is 300 μm. The red circle shows the location of protozoa. Video S1: Sliding tests of the dual
bio-inspired shark-skin and lotus-structure surfaces.
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Abstract: Signal recording and stimulation with high spatial and temporal resolution are of increasing
interest with the development of implantable brain-computer interfaces (BCIs). However, implantable
BCI technology still faces challenges in the biocompatibility and long-term stability of devices after
implantation. Due to the cone structure, needle electrodes have advantages in the biocompatibility
and stability as nerve recording electrodes. This paper develops the fabrication of Ag needle
micro/nano electrodes with a laser-assisted pulling method and modifies the electrode surface by
electrochemical oxidation. A significant impedance reduction of the modified Ag/AgCl electrodes
compared to the Ag electrodes is demonstrated by the electrochemical impedance spectrum (EIS).
Furthermore, the stability of modified Ag/AgCl electrodes is confirmed by cyclic voltammogram (CV)
scanning. These findings suggest that these micro/nano electrodes have a great application prospect
in neural interfaces.

Keywords: micro/nano electrode; electrochemistry; modified electrode; implantable BCI

1. Introduction

The multidisciplinary and multilevel comprehensive research on the higher cognitive function
of the human brain has become one of the mainstream directions in contemporary scientific
development [1–9]. Brain-computer interface (BCI) technology emerges in this condition which
establishes a direct communication and control channel between the human brain and computers, or
other electronic devices. Neuroscience studies show that electrical activity of the nervous system will
have a corresponding change after the brain produces a motion of consciousness or receives certain
outside stimulation. Through BCI technology, these neural signals can be recorded and converted
into relevant command signals to drive external devices. One of the key aspects of BCI technology is
the effective acquisition of physiological signals in neural activity through implantable electrodes [4].
Analyzing the bioelectrical signals collected by the electrodes will help us to comprehend brain
mechanisms more clearly. Therefore, it is of great significance to develop implantable electrodes with
novel structure and materials for BCI technology. For instance, Wang M. et al. successfully fabricated
the microelectrodes modified with direct electrodeposition of composites for application in neural
interfaces [8]. Wu, F. et al. prepared integrated μLEDs on silicon neural probes for a high-resolution
optogenetic study [9]. However, the BCI technology still faces challenges in the biocompatibility and
long-term implantation of devices after implantation [10–14]. Because of the mechanical mismatch
between the material and the nerve tissue, the electrodes will be encapsulated by glial cells due to the
chronic foreign body response after long-term implantation. Therefore, the electrode recording points
will lose the function of accurately recording electrical signals. In addition, the device implantation
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can cause damage to the neurons which are in the same plane with, or near the recording points of the
electrode, and the reliability of the measured bioelectrical signals will be also affected. Compared to
electrodes with a structure similar to a flat plate, the damage to peripheral neurons caused by needle
electrode implantation mainly occurs on the cone surface, which is not in the same plane with the
electrode recording points. At the same time, the conical structure of needle electrodes can reduce
damage to human tissue during the implantation [15,16].

A widespread method to fabricate needle micro/nano electrodes is the laser-assisted pulling
method because of the excellent control of the electrode geometry and its high repeatability [17–24].
In this method, a tension is applied to both ends of the sample which consists of a glass tube and a
metal wire inside it during the laser heating. During the process of laser heating and pulling, the plastic
sample can be pulled down to a pair of independent metal wire tips trapped in glass with a smaller
diameter. Then the tip is polished to expose the metal core. Except for the area of the electrode at the
tip, the entire electrode is encased in a thin layer of glass. Multiple electrode recording points can be
realized by pulling multi-barrel glass tubes, and the electrode array can also be realized by pulling
multiple glass tubes together [23,24]. It can realize a multifunctional integration of electrodes through
carbon pyrolysis, electroplating and modification of functional groups.

At present, common metal materials used in the laser-assisted pulling method mainly include
Au and Pt. Due to the mismatch in physical properties, it is still difficult to prepare needle electrodes
with metals other than Au and Pt [20]. Therefore, it is of great significance to develop a laser-assisted
pulling method with other materials. In addition to excellent ductility and the highest electrical
and thermal conductivity of all metals, silver also has good prospects in the medical field. Silver is
widely used in biomedical hydrogels, bandages and long-term implanted devices because of its
antibacterial properties and biocompatibility [25,26]. In this paper, the Ag needle micro/nano electrodes
were fabricated. By optimizing preparation process and parameters, the mismatch of melting
point and other physical properties between quartz and silver were successfully resolved, and the
Ag/AgCl needle microelectrodes were fabricated by electrolytic chlorination. The Ag/AgCl electrode
is close to the non-polarized electrode at low current and the current flowing, through the electrode
during bioelectrical signal measurement is weak. Therefore, Ag/AgCl electrodes are suitable for the
determination of bioelectrical signals as a detection electrode [27,28]. The electrochemical impedance
spectrum (EIS) method and stability test were carried out to characterize the Ag/AgCl electrodes after
modification. Finally, the preparation of a needle nano electrode is discussed, on the basis of the
preparation of needle micro electrodes. The SEM images confirmed the successful preparation of the
Ag needle nanoelectrode.

2. Materials and Methods

2.1. Materials

Polyethylene glycol (PEG, 2000), potassium chloride (KCl), hydrochloric acid (HCl), acetone
(CH3COCH3) and phosphate buffered saline (PBS, pH 7.4) were purchased from Sinopharm Chemical
Reagent Company, Ltd. (Shanghai, China). All chemicals used in the experiments were of reagent
grade quality or better and were used without further purification. Aqueous solutions were prepared
from de-ionized water. Quartz capillaries (o.d. = 1.0 mm, i.d. = 0.3mm) were purchased from Sutter
Instrument Company (Novato, CA, USA).

2.2. Instruments

The laser-based micropipette puller system (P-2000, Sutter Instrument Company) was used in the
fabrication of the Ag electrodes. High vacuum scanning electron microscopy (ULTRA55, Zeiss, Jena,
Gemany) was used for SEM observation. The anodic oxidation process of Ag electrodes was carried out
on a CHI 660c electrochemical workstation (CH Instruments, Austin, TX, USA). Other electrochemical
measurements such as cyclic voltammogram (CV) and electrochemical impedance spectrum (EIS) were
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conducted by Autolab (PGSTAT204, Metrohm, Herisau, Switzerland). An electrode beveler (BV-10,
Sutter Instrument Company) was used in the polishing process.

2.3. Preparation of the Ag Needle Electrode

Figure 1 shows a five-step fabrication process of Ag needle electrodes. At first, silver wires
were pretreated with fine grit sandpapers with different grits to remove oxides from the surface.
Afterward they were treated with ultrasonic cleaning in acetone, ethanol and de-ionized water and
dried in a drying oven at 200◦ Celsius, a ~2 mm long piece of silver wire was inserted into a 75 mm
long piece of quartz capillary (o.d. = 1.0 mm, i.d. = 0.3mm). It is worth noting that the length of
silver wire will directly influence the morphology of the needle electrode obtained by the laser-assisted
pulling method under certain optimization parameters.

Figure 1. Process diagram showing the preparation of needle electrodes with the laser-assisted
pulling method.

In the second step, the silver wire was sealed in quartz glass by a butane torch. The temperature of
the butane torch flame was about 1300◦ Celsius, which is between the melting temperature of the silver
wire and the softening temperature of quartz glass. Heated by the butane torch, the silver melted and
then adhered to the inner wall of the glass tube. As shown in Figure 2a, a rotating fixture platform was
adopted in the melting process in order to obtain a better adhesion between the silver wire and quartz
glass inner wall. After the melting process, the sealing was checked under an optical microscope to
ensure that silver wire adhered to the inner wall well.

  
(a) (b) 

Figure 2. (a) Picture of the rotating fixture platform adopted in the melting process. (b) A typical pull
cycle based on the P-2000 laser-based micropipette puller system.

In the third step, a laser-assisted pulling method was adopted to prepare the Ag needle electrodes.
The P-2000 laser-based micropipette puller system was used in the pulling process. Figure 2b shows a
typical pull cycle based on the P-2000 laser-based puller system. The adjustment parameters of the laser
needle puller system were as follows: Heat, Velocity, Delay, Pull and Filament. The parameter Heat
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(range from 0 to 999) controls the power of the laser applied on the capillary glass tube. The typical
range of Heat setting is around 700 to 999 for quartz. The parameter Velocity (range from 0 to 255) is a
temperature-dependent parameter that determines the trip point at which the equipment stops laser
heating. The sample will have a higher softening degree before hard pulling with an increase of the
parameter Velocity. The parameter Delay (range from 0 to 255) determines the time interval between
stopping laser heating and applying a pull. A change of one unit represents a change of 1 ms to the
delay time. When the value of parameter Delay is 128, the equipment will stop heating and apply
tension at the same time. If the parameter Delay is larger than 128, the hard pull will begin after the end
of a laser heating. If the parameter Delay is smaller than 128, the hard pull will begin before the end of
a laser heating. The parameter Pull (range from 0 to 255) determines the magnitude of tension applied
at both ends of the glass tube. In general, the higher the parameter Pull, the smaller the tip of electrode
will be prepared. The parameter Filament (range from 0 to 5) specifies the scan length of the laser beam
which is used to heat the designated area of the glass tube. When the parameter Filament is set from
0 to 5, the corresponding scanning lengths are 1 mm, 1.5 mm, 1.9 mm, 4.5 mm, 6.5 mm and 8 mm,
respectively. These five parameters influence and restrict each other. The sealing, containing quartz
glass and silver wire, was pulled into two independent silver tips trapped in quartz glass under certain
parameters. In this step, the morphology of the prepared needle electrode is significantly affected by
different parameters.

In the fourth step, the tip portion was covered in PEG which is water-soluble. This operation was
used to increase the rigidity of the ultrafine tip for subsequent polishing. The sample was roughly
polished with sandpapers of different grits. By using a KCl solution containing alumina suspension on
a polishing cloth, the silver tip was further exposed and sanded with the aid of a Sutter BV-10 electrode
beveler which was situated just below a vertical micro-mobile platform. During the further polishing
process, the sample was fixed on a micro-mobile platform with a displacement accuracy of 1 μm and
the sample was polished with a decrease in the vertical direction. To control the exposure of the tip,
the electrical resistance between the silver wire embedded in the composite material and the polishing
cloth was tested after every certain depth of polishing through a multimeter [22]. Finally, the PEG
wrapped around the outside of the entire tip was removed in hot liquids and a Ag electrode with a
smooth surface was obtained.

2.4. Modification of the Ag Needle Electrode

The Ag electrode was cleaned with acetone and de-ionized water to remove surface contaminants.
Then the electrode was anodized in 0.1 M HCl aqueous solution on a CHI 660c electrochemical
workstation. The platinum electrode was used as a cathode and the Ag electrode was connected to the
anode. The whole anodic oxidation process was under a constant voltage of 1 V.

3. Results and Discussion

3.1. Fabrication of the Ag Needle Microelectrode

Silver has a melting point of 961.78◦ Celsius which is far below the softening temperature of
quartz glass. In the process of sealing the silver into the quartz glass tube with a butane torch, the silver
melted first, while the quartz glass tube remained solid. The melted silver solidified and adhered to the
inner wall of the quartz glass tube as the temperature decreased. The attached quality between silver
and the inner wall of the glass tube would affect the morphology of prepared electrode. Figure 3a
shows the adhesion surface between the silver and the inner wall of the glass tube. The adhesion
surface was dotted with some defects, which may lead to the discontinuity of the internal silver wire
as shown in Figure 3b. In order to improve the adhesion quality, a rotating fixture platform was
adopted in the heating melting process. In the high-speed rotation, the silver was tightly attached to the
inner wall of the glass tube. Through analysis and optimization of various parameters in laser-based
puller system, the Ag needle electrode was successfully fabricated under the following parameters:
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Heat = 850, Filament = 4, Velocity = 30, Delay = 150 and Pull = 170. As shown in Figure 4, the results
confirmed that the mismatch between quartz and silver was successfully resolved by optimizing
preparation process and parameters. The effective recording point of the electrode tip was ~7.9 μm in
diameter and the variable-diameter part of the needle electrode was ~9.2 mm in length. Micrographs
showed that the needle electrode presented a good internal continuity and there was no cracks in the
surrounding glass.

(a) (b) 

Figure 3. (a) Micrograph of the adhesion surface between the silver and the inner wall of the glass tube.
(b) Micrograph of the discontinuity occurred in the internal silver wire.

 
Figure 4. The picture of the Ag needle electrode.

3.2. Electrochemical Characterization of the Needle Microelectrodes

By an anodic oxidation process, silver atoms were oxidized to silver ions at the electrode-electrolyte
interface and then deposited on the electrode surface after combining with chloride ions. Equation (1)
and (2) express the specific reaction process occurring in the anodic oxidation process [28]:

Ag↔ Ag+ + e (1)

Ag+ + Cl− ↔ AgCl ↓ (2)

As seen in Figure 5, the impedance of the modified Ag/AgCl electrode decreased compared to the
Ag electrode at a low frequency from 0.1 Hz to 1000 Hz. The impedances of electrodes at low frequency
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are compared in Table 1. This experiments result was in agreement with the theory that silver chloride
is considered as a type of non-polarizable material while silver is a polarizable material. Based on the
excellent electrical conductivity of silver, the impedance of the modified Ag/AgCl electrode further
reduced at low frequency and it was advantageous for measuring and recording bio-electricity signals.

 Ag
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Figure 5. Impedance comparison diagram of the Ag electrode and modified Ag/AgCl electrode in
phosphate buffered saline (PBS) solution.

Table 1. The impedances of the Ag electrode and modified Ag/AgCl electrode at different frequencies.

Frequency (Hz) The Ag Electrode (Ω) The Ag/AgCl Electrode (Ω)

1000 2.2 × 105 1.05 × 104

100 1.87 × 106 6.01 × 104

10 1.52 × 107 5.56 × 105

1 8.19 × 107 5.01 × 106

0.1 2.56 × 108 3.69 × 107

3.3. Stability Tests

After chlorination of Ag electrodes, a thin film of silver chloride was formed on the surface of
the electrodes. The quality of the film would directly affect the stability of electrodes. The stability
of the modified electrodes was evaluated by repetitive CV scanning. The CV scanning process was
operated in PBS solution at room temperature. The Ag/AgCl electrode and the Pt electrode were used
as anodes and cathodes respectively. We carried out 200 cycles of CV scanning with the scan rate
of 1 V/s between -0.6 V and 0.8 V and the EIS of electrodes was measured. As shown in Figure 6a,
the impedance of electrodes remained relatively stable after 200 cycles. The impedance of the electrode
at 1 KHz was reduced by one fifth (from 9140.11 Ω to 7312.46 Ω). The reduction of impedance may
be caused by further chlorination of silver on the electrode surface after rapid CV scanning. This is
because the reaction of the Ag/AgCl electrode is an electrolytic reaction rather than a polarization of
the metal. The following equilibrium reaction occurs on the electrode surface:

AgCl + e↔ Ag + Cl− (3)

Therefore, the thickness of the AgCl layer changes periodically during the rapid CV scanning.
The results in Figure 6b shows the phase of electrodes after 200 cycles. Considering that the typical
electroencephalography (EEG) signal amplitude was less than 1 mV, the rapid CV scanning test
equaled a destructive test to detect the stability of the Ag/AgCl electrode. The experimental results
demonstrated that the modified Ag/AgCl electrodes performed with good stability, which could meet
the neural signal measurement in a complex environment in vivo.
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Figure 6. (a) Impedance plot of modified Ag/AgCl electrode treated with different cycles of CV scanning.
(b) Phase spectra of modified Ag/AgCl electrode treated with different cycles of CV scanning.

3.4. SEM Images Characterization of the Ag Needle Nanoelectrodes

For microelectrode preparation, we fabricated the needle electrodes at nano-scale which had the
ability to record signals in a single neuron cell due to its great spatial resolution. SEM characterization
was carried out to observe the morphology of the Ag needle submicron electrodes. Figure 7a shows
a SEM image of an entire silver/glass tip after the pulling process under the following parameters:
Heat = 910, Filament = 2, Velocity = 30, Delay = 128 and Pull = 250. Compared to the parameters in
the preparation of the microelectrodes, the increase of laser power and the decrease of scan length play
significant roles in the reduction of electrode size. A SEM image with an enlarged scale of a silver/glass
tip is shown in Figure 7b. Because the diameter ratio between the quartz and the silver wire was
consistent with the initial ratio between the quartz tube and the silver wire [21], the diameter of the Ag
electrode was less than 100 nm. This result confirmed a successful preparation of Ag needle electrodes
at the nano-scale.

  
(a) (b) 

Figure 7. (a) SEM image of the entire silver/glass tip of the Ag nanoelectrode. (b) SEM image with an
enlarged scale of the silver/glass tip of the Ag nanoelectrode.

4. Conclusions

In conclusion, we developed the fabrication of Ag needle micro/nano electrodes with a laser-assisted
pulling method. Through analyzing and optimizing the parameters in laser-based puller system,
the Ag needle microelectrodes with a diameter of 7.9 μm were successfully fabricated. An anodic
oxidation process which converted silver to silver chloride was operated to modify the electrode surface.
The electrochemistry performance of the modified Ag/AgCl electrode was researched by studying the
EIS. After modification, the impedance of electrode at 1 KHz changed from 2.2 × 105 Ω to 1.05 × 104 Ω.
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The results showed that the impedance of the modified Ag/AgCl electrodes presented a significant
reduction after surface modification. The stability of modified Ag/AgCl electrodes was also verified by
CV scanning. On the basis of the microelectrode preparation, we prepared the needle electrodes at the
nano-scale which can further improve the spatial resolution of the device. These findings suggest that
these micro/nano electrodes have great application prospects in neural interfaces. In future work, we
will continue to focus on electrode scaling reduction and single cell signal acquisition.
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Abstract: Wirelessly powered medical microrobots are often driven or localized by magnetic
resonance imaging coils, whose signal-to-noise ratio is easily affected by the power transmitter coils
that supply the microrobot. A controlled single-sided wireless power transmitter can enhance the
imaging quality and suppress the radiation leakage. This paper presents a new form of electromagnet
which automatically cancels the magnetic field to the back lobes by replacing the traditional circular
coils with a three-dimensional (3D) coil scheme inspired by a generalized form of Halbach arrays. It is
shown that, along with the miniaturization of the transmitter system, it allows for improved magnetic
field intensity in the target side. Measurement of the produced magnetic patterns verifies that the
power transfer to the back lobe is 15-fold smaller compared to the corresponding distance on the
main lobe side, whilst maintaining a powering efficiency similar to that of conventional planar coils.
To show the application of the proposed array, a wireless charging pad with an effective powering
area of 144 cm2 is fabricated on 3D-assembled printed circuit boards. This 3D structure obviates the
need for traditional magnetic shield materials that place limitations on the working frequency and
suffer from non-linearity and hysteresis effects.

Keywords: biomedical microrobot; magnetic devices; magnetic shielding; wireless power transfer

1. Introduction

Wireless power transfer (WPT) plays a key role in developing instruments that rely on external
powering such as electric vehicles [1], micro-devices [2], and biomedical implants [3,4]. Over the past
decade, new designs for coil structures have expanded the usage of WPT in various applications. Early
wireless powering structures were based on the resonant coupling of aligned coils [5] and geometry
optimization of the power transmitter (Tx) and receiver (Rx) coils [6]. Such structures generate intense
magnetic fields over the surrounding space and are able to cause electromagnetic (EM) interference with
nearby electric equipment [7,8]. In addition to non-thermal effects [9], an unintentional EM leakage
can critically threaten several biomedical procedures such as electric pacemakers [10], magnetic drug
targeting [11,12], and magnetic innervation [13]. In addition, several recent techniques for microrobot
technology rely on WPT coils in combination with magnetic resonance imaging (MRI) coils for real-time
feedback on the function and location of the microrobot [14–18]. However, the magnetic actuators
responsible for wireless powering to microrobots often consist of pairs of Maxwell and Helmholtz
coils that can easily affect the signal-to-noise ratio in the MRI’s radio-frequency pickup coils [19–21].
A single-sided WPT actuator that only affects the microrobot’s operation region and reduces the
interference with the magnetic field of the MRI’s pickup coils can be a solution to this challenge (see
Figure 1).
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Figure 1. Schematic of the simultaneous usage of microrobot actuation and magnetic resonance imaging
(MRI) coils to provide function and location feedback for implanted medical devices.

Moreover, in several applications such as wireless powering to biomedical devices [22,23], the Tx
coils lie in the vicinity of lossy media such as living tissues. Conventional Tx coils create magnetic
fields on either side of the transmitter, induce unintentional electric currents on the tissues, and have
the potential to cause thermal damage [24]. Whilst magnetic sheets have been used to design shields
to suppress the EM leakage in such conductive media [25], such techniques have limited the working
frequency due to their non-linear behavior as well as complicated the cooling systems [26]. Generating
a spatially controlled magnetic pattern for WPT that minimizes the risk of EM interference between
multiple Rx coils has been a challenge for many biomedical systems.

To this aim, the spatial forming of subwavelength magnetic fields is a potential solution and may
enable the control of the produced magnetic field and the formation of a single-sided radiation pattern
aimed only at the Rx coils and away from the lossy media [12,27–29]. A traditional method to focus
the magnetic field and suppress its leakage has been introduced by Halbach [30], which has since been
the basis of a multitude of biomedical treatments such as magnetic drug delivery [31–33]. However,
this scheme is based on arrays of permanent magnets and cannot be directly used for generating
alternating magnetic fields. In a previous study, it was demonstrated that a combination of multi-turn
coils in the form of linear Halbach arrays had the potential for lowering the EM leakage [34]. However,
since bulky multi-turn coils generate enormous amounts of heat, such a structure cannot be used in
compact designs such as charging pads and untethered powering to microrobots.

This paper is the first time a set of 3D coil arrays, based on the Halbach arrays and using vertical
and horizontal circuit boards, has been demonstrated to improve the efficacy of low-leakage WPT
using a single-sided radiation pattern. We aimed to minimize the magnetic field produced on the
shielded side and reinforce it on the other side. The efficiency of the proposed design was validated
through experimental tests at different distances from the Tx structure. The goal of this work was to
investigate the practical potentiality of 3D coil arrays for low-leakage wireless powering. The total
efficiency of the power transfer depends on the microrobot’s geometry, Rx coil design, and distance
from the Tx. Compared to conventional wireless charging pads, the magnetic fields were blocked on
one side of the introduced array of coils to lower the risk of EM interference.

2. Evolution of Halbach Arrays

Halbach arrays allow magnetic flow to be formed only on one side and weakens the magnetic
field’s intensity on the opposing side. Generally, a coil-based scheme can substitute for a linear array
of permanent magnets by considering the magnetization vector of each element and ensuring that
the new coils generate a magnetic potential similar to the magnets. Based on the Halbach arrays,
a one-dimensional (1D) coil scheme was introduced [34] (see Figure 2b), though it is ineligible for
miniaturized wireless charging pads due to its bulky and difficult-to-fabricate structure. It also
generates cross-polarized magnetic fields whose magnetic energy cannot be harvested even by a
well-aligned Rx coil.
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Figure 2. (a) A typical linear Halbach array in which the magnetization vectors are noted and (b) its
coil-based equivalent.

To reduce the cross-polarized fields and lower the overall weight of the Tx, the conventional
linear Halbach chain was generalized to a planar two-dimensional (2D) array by adding perpendicular
current paths. The schematic of the current in the unit element is shown in Figure 3, where the adjacent
elements run currents in opposite directions. The magnetic near field of the path element running a
current of I (phasor notation) is derived by [35]:

→
Hc(x, y, z) =

I
4π

∫
c

→
dl′ ×

(
→
r −

→
r′
)

|→r −
→
r′ |

3 (1)

where r and r′ denote the vectors of the observation point and the point on the current path element c
(shown in Figure 3).

Figure 3. The geometry of the introduced 3D structure that represents an element of the planar array.
The array may be extended in both x and y directions.

The total magnetic field produced by curves with an array size of M × N (in x and y directions,
respectively) is obtained by the superposition principle:

→
Htotal = ∑M−1

m=0 ∑N−1
n=0 (−1)n+m →

Hc(x − nd, y − md, z). (2)

The maximum side length of d depends on the working frequency such that the entire array’s
size becomes significantly smaller than the wavelength. The minimum d is approximately equal to the
distance between the Rx and Tx coils based on the analytical solution of magnetic fields generated by
subwavelength coils [36]. The lateral loops are attached symmetrically (i.e., a = b, see Figure 3b).
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The entire array scheme was modeled using the software COMSOL and the resultant spatial
pattern of magnetic fields on a typical y-plane is shown in Figure 4b. It was observed that although
no shielding material was employed, the main lobes of the magnetic fields take place only above the
structure and play the role for power transfer. Meanwhile, the minor back lobes made by the lateral
coils are unable to form an intense magnetic field or transfer power to nearby electric facilities under
the Tx coils. Figure 4c compares the proposed single-sided magnetic pattern with the traditional planar
2D coils (i.e., the same structure without the lateral coils).

Figure 4. (a) Top and perspective views of the entire array scheme. (b) The intensity of the z component
of magnetic fields in terms of phasors on the plane y = 10.5 cm for a = b = 6 mm, d = 30 mm, and I = 1 A.
(c) A comparison between the proposed 3D coils and similar traditional 2D coils along the main lobe’s
axis at x = y = 10.5 cm and I = 1 A. z < −7 mm and z > 7 mm indicate the shielded and strengthened
zones, respectively. −7 mm < z < 7 mm is an inaccessible region where the structure is located.

As shown in Figure 4b, the magnetic field’s intensity peaks at z = a while a near-zero field was
observed at z = −b. Compared to traditional 2D actuators, the microrobot would receive a greater
amplitude of magnetic fields above the structure (at z > a and running the same actuating current).
By placing the actuator between the body and the pickup coils of the MRI, it was observed that the
magnetic field’s intensity significantly decreases, which leads to minimizing the interference in the
imaging coils. In addition, since the x and y components of the magnetic fields generated by the lateral
coils cancel out each other in the main lobes, the cross polarization is insignificant.

3. Experimental Validation

In practice, the horizontal 2D structure was fabricated on a printed circuit board (PCB). Long
narrow openings were incised in the horizontal PCB to form the vertical coils’ intersections. The
vertical coils were printed on small circuit boards and slotted into the incisions. The connections were
fixed and assembled by soldering the lateral and horizontal coils. The vertical coils were fixed by glue.
All loops were serially connected and fed by a single power supply. The fabricated structure consisted
of an array of 3 × 3 elements in x and y directions and its effective powering area was 144 cm2 (see
Figure 5).
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Figure 5. The vertical coils were slotted into the horizontal printed circuit board (PCB) openings. All
the loops were serially connected. The connections were fixed by soldering and gluing.

Since the proposed structure is designed to work through near-field coupling between the Rx/Tx
coils, the maximum frequency is limited such that the overall length of the Tx coil remains much
lower than the wavelength. However, there is no minimum frequency bound as the coils can generate
single-sided DC magnetic fields. A small multi-turn Rx coil was used as the magnetic probe to measure
the mutual inductance under and on top of the Tx. As the spatial pattern of the single-sided Tx system
is non-uniform, the mutual inductance is dependent on the Rx location, however, we considered the
peak values. Table 1 presents the measured inductance of the involved coils.

Table 1. Measurement of the maximum inductance of the transmitter.

Object/Quantity Rx Coil (Probe) Tx Coil (3D Coils)

AC Resistance 0.5 Ω 7.8 Ω
Inductance 11 μH 9 μH

Mutual Ind. Peak at z = +9.6 mm 37.8 nH
Mutual Ind. Peak at z = −9.6 mm 9.0 nH

Wirelessly powered microrobots often include a multi-turn receptor coil whose impedance is
modified by a tuning capacitance. To verify the single-sided performance of the introduced Tx setup,
the spatial magnetic pattern of the proposed design was measured by a magnetic probe with a
design similar to that of a typical power receptor coil in a swimming microrobot. The probe was
connected to a spectrum analyzer (GW INSTEK GSP-810, New Taipei City, Taiwan) as well as an
oscilloscope (RIGOL Ds4012, Beijing, China) to measure the field’s intensity and polarity, respectively.
A gridded polystyrene planar spacer was used to build different distance levels from the Tx. The Rx
was positioned over the center of the gridded plane and manually scanned over the pad in 10 mm
steps. The typical setup for a microrobot swimming above the Tx scheme and the magnetic field
measurement setup are shown in Figure 6.
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Figure 6. (a) The setup for measuring spatial patterns of the magnetic near-field at various distances
from the transmitter (Tx) coil (gridded spacers not shown) at 1000 kHz. The magnetic probe had a
similar structure to the microrobot’s power receiver coil. (b) The typical placement of a microrobot’s
receiver (Rx) coil swimming on water. It is supplied by the single-sided power transmitter.

The absolute efficiency of WPT in the strengthened side highly depends on the design of on the Rx
structure and may not yield information about shielding. However, to evaluate the shielding function,
the magnetic field’s intensity was measured at different distances from the coil array to calculate the
relative WPT efficiency above and below the proposed 3D coil array.

According to the efficiency and shielding definition given by Paul [7], the WPT efficiency at
different levels below the proposed Tx decreased 15-fold compared to the corresponding levels above
the structure. With a shielding effectiveness of 11.7 dB for perpendicular magnetic fields, the proposed
setup is a good solution for WPT to targets enclosed by radiation-sensitive electronic facilities. The
measured radiation map (shown in Figure 7) had a dynamic range of 34 dB (from the pattern’s null to
peak) and is in very good agreement with the simulation results.

Figure 7. Magnetic radiation map at z = ±9.6 mm and ±12.3 mm. The power transferred to the shorted
probe on the top side is 15 times greater than that transferred to the bottom side.

The proposed structure is free of magnetizable elements such as ferrite shields and iron cores;
hence, the actuating current can be maximized to the maximum tolerable temperature of the PCB
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substrate. Similar to other electromagnets, the current can be significantly increased by optimizing
the trace width and thickness and by using cooling systems and particular substrates. As long as the
overall length of the Tx coil is much lower than the wavelength of the working frequency, the effective
powering area of this coil array can be extended in x and y directions.

4. Conclusions

Planar coils printed on circuit boards have been the major building block of most of wireless
power transfer systems for many years. In this study, a new type of power transmitter coil has been
developed by employing 3D current routes instead of planar printed coils. The coil scheme includes
out-of-plane elements and is assembled based on a generalized Halbach array, which allows for
magnetic streams to construct and cancel on different sides of the actuator without the use of any
shielding material. The controlled radiation pattern of the proposed structure will find a wide range
of applications, from wireless powering to biomedical facilities utilizing MRI-driven microrobots in
environments that are sensitive to electromagnetic interference. The proposed structure eliminates the
need for traditional magnetic shields and enables the miniaturization of the wireless charging pads.
The measurements confirm that the power level emitted through the back lobe was 11.7 dB lower than
that of the front lobe. In addition to the quantified radiation pattern, the powering function of the
3D coil was verified by a microrobot swimming above the structure. This paper validates a general
approach to the design of a low leakage power transmitter, though the powering efficiency can still be
enhanced with regard to the particular needs of various applications. Other structures besides cubic
arrays in a chessboard-shaped combination, such as an isometric or honeycomb structure, may also
be employed.
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Abstract: A novel miniaturized single-fed circularly-polarized (CP) microstrip patch antenna
operating in the Industrial, Scientific, Medical (ISM) band of 2.40–2.48 GHz, is comprehensively
proposed for implantable wireless communications. By employing reactive loading in the
arrow-shaped slotted patch to form slow wave effect and embedding V-shaped slots into patch
to lengthen the current path, the proposed implantable antenna is minimized with the overall
dimensions of 9.2 mm × 9.2 mm × 1.27 mm. The radiation patterns of the proposed antenna illustrate
the performance of left-handed circular polarization. The simulated results show that an impedance
bandwidth of 7.2% (2.39–2.57 GHz) and an axial ratio bandwidth of 3.7% (2.39–2.48 GHz) at the
ISM band are achieved, respectively. Ex vivo measured results are in good agreement with the
corresponding simulated ones.

Keywords: circular polarization; implantable antenna; reactive loading; slow wave effect

1. Introduction

Implantable medical devices (IMDs) have increasingly caught the attention of the scientific
community due to their wireless capabilities of detecting bio-medical information and transmitting
health data much more flexibly and conveniently than traditional wired sensors placed exterior to
the body [1–3]. These devices have been widely adopted in many applications including neural
recording [4], glucose monitoring [5], and intracranial pressure monitoring [6], etc.

Implantable antennas act as a key factor to assure wireless communications between the
implantable devices and the external equipment [7], and have been assigned at the industrial,
scientific, and medical (ISM) bands with the operating frequency ranges of 433.1–434.8 MHz [8,9],
902–928 MHz [10], and 2.40–2.48 GHz [11,12]. Additionally, the 402–405 MHz medical implant
communication services (MICS) band [13] and the 1395–1400 MHz wireless medical telemetry services
(WMTS) band [14] are also designated for the implantable antennas. Implantable devices used for
the biomedical telemetry are typical microsystem and therefore cannot accommodate large antennas.
Due to the relatively short electromagnetic wavelength, the implantable antenna working at the ISM
higher frequency band of 2.40–2.48 GHz is adopted by some researchers, making the dimension
electrically small enough. Moreover, considerable design efforts, such as employing high-permittivity
dielectric substrates [15], loading shorting pins to connect the patch and the ground [16], and extending
the current flow path on the patch surface [17], have been made to realize the compact dimension
of the implantable antennas. Many crucial factors such as biocompatibility, specific absorption rate
(SAR), far-field radiation, and operating bandwidth, should be also considered during the designing
of implantable antennas.

Micromachines 2019, 10, 70; doi:10.3390/mi10010070 www.mdpi.com/journal/micromachines58
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The planar inverted-F antenna (PIFA) was demonstrated as a useful prototype in the design of
implantable antennas because of its structural simplicity and low profile [18]. The monopole antenna
with the advantages of omnidirectional radiation pattern and wide bandwidth has been integrated
with the implantable system [19]. In [20], a differentially-fed dual-band flexible antenna was proposed
for ingestible capsule system. Nevertheless, the above-mentioned antennas are linearly polarized and
dependent on the relative orientations between the transmitters and the external receivers.

A circularly-polarized (CP) antenna is preferred for the implantable devices because it can
reduce multipath distortion and provide flexible mobility, compared with a linearly polarized antenna.
However, only a few works focus on the miniaturized CP implantable antennas. Capacitive loadings
were introduced in a square patch with a central squared slot to realize circular polarization for an
implantable antenna [21]. An axial-mode multilayer helical circularly-polarized implantable antenna
for ingestible capsule endoscope system was presented in [22]. Additionally, by cutting rectangular
slots into the patch and adding open stubs in the annular ring, a CP bio-friendly implantable annular
ring antenna was realized in [23].

A miniaturized CP squared patch antenna for implantable devices at the ISM band of
2.40–2.48 GHz was preliminarily introduced in [24]. After that, future works have been carried
out. In this article, an in-depth study on the working principle and a more detailed analysis on the
performance of the proposed antenna are presented while a proof-of-concept fabricated prototype
was fully characterized, verifying the good performance of the proposed antenna topology. Through
introducing reactive loading, slow wave effect is formed on the radiator, making the dimension of the
proposed antenna compact.

The contents of this article are organized as follows: In Section 2, a simulation environment is
set up, the geometry of the proposed implantable antenna is described, and the simulation results
are studied. In Section 3, the miniaturization of working mechanism, CP properties, and parameter
analysis are given. Section 4 presents the measured results before a useful conclusion is made in
Section 5.

2. Antenna Design and Simulation

2.1. Simulation Environment

As shown in Figure 1, the proposed antenna is simulated in a three-layer tissue numerical
model with the dimensions of 50 mm × 50 mm × 58 mm that imitates the real human environment.
The human tissue is composed of skin, fat, and muscle. The electrical properties of the tissues vary
with frequency. Table 1 lists the values of dielectric properties for skin, fat, and muscle in the simulated
model at 2.45 GHz. To be closer to external devices and reduce the path loss in the tissue, the proposed
antenna is implanted in a depth of 2 mm from the top of skin. The simulated tool employs ANSYS
High Frequency Structure Simulator (HFSS) software (v.13, Ansys Inc., Canonsburg, PA, USA) for
modeling, optimizing, and analyzing.

Figure 1. Simulation environment of the proposed antenna.
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Table 1. Dielectric properties of different tissues at 2.45 GHz.

Tissues Thickness (mm) εr σ (S/m)

Skin 4 38.0 1.46
Fat 4 5.28 0.1

Muscle 50 52.7 1.74

2.2. Geometry of the Proposed Circularly-Polarized Antenna

The configuration of the proposed implantable antenna is demonstrated in Figure 2,
the dimensions of the patch are fixed to 9.0 mm × 9.0 mm with a ground plane of 9.2 mm × 9.2 mm.
To achieve the miniaturization, the antenna is manufactured on a Rogers 3010 substrate with a high
dielectric constant of εr = 10.2 and a low loss tangent of tan δ = 0.0035, covered by a layer of superstrate
with the same material as the substrate, each with a thickness of H = 0.635 mm. The superstrate is
utilized to separate human tissues from the conducting patch of the proposed antenna and to enhance
the matching with the around inner tissues. In order to avoid shorting and to relieve mismatching,
the proposed antenna should be wrapped by a thin film of biocompatible materials alumina (εr = 9.2,
tan δ = 0.008). The 50-Ω coaxial cable feeding point is welded at the position (d, d) along the center of
diagonal of the patch. Two small triangle patches are embedded on the upper and lower sides of the
proposed antenna and connected with the main patch through two high impedance lines. Additionally,
V-shaped slots are embedded into the left and right side of the proposed antenna. It should be noted
that perturbation slots are cut to optimize the axial ratio (AR). Table 2 lists the detailed values of the
geometrical dimension after the optimization with the aid of ANSYS HFSS.
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Figure 2. Geometry of the proposed antenna at: (a) Top view; and (b) side view.

Table 2. Dimensions of the proposed antenna parameters (unit: mm).

Symbol Value Symbol Value Symbol Value

L 9.0 W 0.5 L1 4.6
L2 1.8 L3 0.6 L4 0.4
L5 6.4 L6 0.8 L7 2.6
L8 2.2 L9 0.9 d 3.5
g 0.1 H1 1.8 H2 1

2.3. Simulated Results

Figure 3 illustrates the simulated reflection coefficient together with the axial ratio (AR) of the
proposed antenna in main radiation direction towards the outside of human body. The simulated
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impedance bandwidth is covered from 2.39 GHz to 2.57 GHz with S11 less than −10 dB while the AR
bandwidth can be extended from 2.39 GHz to 2.48 GHz with AR below 3 dB.

Figure 3. Simulated reflection coefficient and axial ratio (AR) varying with frequency.

Figure 4 depicts the simulated far-field gain radiation patterns of the proposed antenna in two
principal planes (i.e., xy-plane and xz-plane) at 2.45 GHz. Its maximum left-handed circular polarization
(LHCP) radiation is towards the antenna’s boresight at theta = 0◦, that is the off-body direction as
desired. Due to the fact that the proposed antenna is very compact and implanted in the lossy tissue
with the limited space, different from the conventional antenna operating in free space, the peak
realized gain is −24.8 dBi at 2.45 GHz.

Figure 4. Simulated radiation patterns at 2.45 GHz.

3. Antenna Analysis

3.1. Miniaturization of the Proposed Antenna

In order to investigate the mechanism of miniaturization, the corresponding topology of the
antenna is evolved from Case 1 to Case 4 by subsequently cutting slots and loading patch into a
conventional square patch antenna, as shown in Figure 5. Here, all antennas keep the fixed sizes of
9.2 mm × 9.2 mm and the simulating settings are similar.
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(a) (b) (c) (d) 

Figure 5. Evolving structures of the proposed antenna in: (a) Case 1; (b) Case 2; (c) Case 3; and (d)
Case 4.

With reference to Figure 5, Case 1 is a conventional square patch antenna with the feeding port at
the upper right diagonal, Case 2 is obtained by etching an arrow-shaped slot in the upper and lower
parts of the patch. In Case 3, two small triangle patches are respectively loaded on the arrow-shaped
slot of Case 2 and connected with the main patch through two high impedance lines. As shown in
Figure 6, the resonant frequency of 4 GHz in Case 1 shifts down to 3.6 GHz in Case 2, then converts to
3.16 GHz in Case 3, indicating that a 21% of miniaturization can be achieved.

Figure 6. Simulated S11 of four cases embedded in the same phantom.

Theoretically, an antenna can be equivalent to a transmission line, as shown in Figure 7, which is
characterized by a series inductance L0 and a shunt capacitance C0 per unit length. When the antenna
is loaded with patch through a high impedance lines, the miniaturization of the proposed antenna
can be achieved by taking advantage of the principle of slow waves [25]. The mechanism can be
understood through calculating the propagation velocity as:

νp =
1√

L0C0
=

c√
εe f f

= λg f (1)

d L

C

L

L

C

Figure 7. Transmission line model with LC loadings.
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According to Equation (1), by adding triangle patches (equivalent to a capacitance C1) and high
impedance line (equivalent to an inductance L1), total equivalent capacitance and/or inductance are
increased, subsequently propagation velocity becomes slower, resulting in waveguide wavelength
smaller when the frequency remains unchanged.

To further miniaturize the proposed antenna, V-shaped patches are etched into the left and right
sides of Case 3, lengthening the current path, as established in Case 4 of Figure 5d. Compared with
Case 1, the corresponding resonate frequency of Case 4 is shifted down from 4 GHz to 2.51 GHz,
demonstrating that 37.3% of miniaturization is achieved.

3.2. CP property of the Antenna

As shown in Figure 2, perturbation slots are introduced in the patch to strengthen the CP
performance. With reference to Figure 8, it can be seen that the small slots take critical role in
the impedance matching and circular polarization. For the purpose of visualizing how the circular
polarization is generated, the simulated surface current distributions on the patch at 2.45 GHz for four
moments of 0T, T/4, T/2, and 3/4T are demonstrated in Figure 9. With the increment of time by a step
of T/4, the currents rotate clockwise, transmitting LHCP waves in the boresight direction.

 (a) (b) 

Figure 8. Performance of the proposed antenna with/without perturbation slots: (a) Reflection
coefficient; and (b) AR.

x

y

Figure 9. Current distributions on the patch at: (a) t = 0T; (b) t = T/4; (c) t = T/2; and (d) t = 3T/4.
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3.3. Parameter Studies

To obtain available guidelines for the practical design of the proposed antenna, various important
parameters that can influence the return loss and axial ratio at the boresight direction are examined.
As a key parameter is studied, the other parameters are kept constant. The width L4 of the high
impedance microstrip line shows the crucial influence on the reflection coefficient and AR, due to its
effect on the current distributions on the patch of the proposed antenna. As exhibited in Figure 10,
the return loss and axial ratio are sensitive to different L4 values. A reasonable axial ratio at 2.45 GHz
can be achieved when L4 is set to be 0.4 mm. If L4 becomes larger or smaller, there is a drastic influence
on the AR. Figure 11 demonstrates the effect of tuning L5 on the performance of the proposed antenna.
With reference to the curves in the figure, a linear increase in L5 (from 6.3 mm to 6.5 mm) will result in
shifting the resonance down to the lower frequency and deviating the CP towards the lower band.

L
 L
L

 
(a) 

L
L
L

 
(b) 

Figure 10. Performance of the proposed antenna with different L4 values: (a) Reflection coefficient; and
(b) AR.
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Figure 11. Performance of the proposed antenna with different L5 values: (a) Reflection coefficient; and
(b) AR.

3.4. Safety Consideration

When the proposed antenna is implanted into the human body, specific absorption rate (SAR) for
safety concerns should be evaluated. The IEEE C95.1-2005 standard limits the SAR average over any
10 g of tissue in the shape of a cube to less than 2 W/Kg (SAR 10g, max ≤ 2 W/kg) [26]. Therefore,
through calculation, the maximum 10-g averaged SAR value is 81.5 W/kg at 2.45 GHz on condition
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that the power delivered to the proposed antenna is set to be 1 W, meaning that the delivered power
should be below 24.5 mW to meet the IEEE C95.1-1999 standard.

4. Experimental Results

In order to validate the design strategy, the prototype of the proposed implanted antenna was
fabricated and assembled. The measurement environment surrounding the proposed antenna is a
piece of fresh streaky pork (shortly after slaughter) comprised layers of skin, fat, and muscle. Figure 12
shows the photos of fabricated antenna and measurement setup. The S-parameters of the antenna
against frequency are measured with the aid of an Agilent N5230A vector network analyzer (VNA)
(Keysight Technologies, Santa Rosa, CA, USA). The simulated and measured S-parameters are shown
in Figure 13. The measured bandwidth for S11 < −10 dB is 12.9%, covering 2.32 to 2.64 GHz. There is
a slight difference between the simulated and measured results mainly due to the tolerances in the
fabrication process and measurement. A linearly polarized dipole, working as a receiver, is placed
150 mm away from the proposed antenna to testify the CP property of the proposed antenna. The S21
between the proposed antenna and the dipole was measured when the dipole was placed at the
phi = −45◦, 0◦, 45◦, and 90◦, respectively. With reference to Figure 13, there is a maximum deviation
only up to 3 dB for the measured S21, proving the CP property of the proposed antenna.

 
Figure 12. Photograph of the fabricated antenna prototype and measurement setup.
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Figure 13. Measured S-parameters of the proposed antenna.
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5. Conclusions

This article has numerically designed and experimentally studied a novel miniaturized single-fed
circularly-polarized microstrip patch antenna at the ISM band of 2.40–2.48 GHz. By introducing
reactive loading to form slow wave effect on the radiator and etching V-shaped slots on the main
patch to lengthen the current flow path, a miniaturized antenna with the dimensions of 9.2 mm ×
9.2 mm × 1.27 mm can be obtained. The radiations of the proposed antenna show a left-handed
circular polarization when we adjust the sizes of geometrical structure. The prototype of the proposed
implantable antenna has been implemented. The agreements between the simulated results and ex
vivo measured ones have been reached.

As illustrated in Table 3, the performance of the proposed antenna is not perfect. Whereas,
a trade-off has been reached. Compared with [5], although the dimensions of the proposed antenna are
bigger, its AR bandwidth is broadened. The proposed antenna has less efficiency than the work in [21],
but it has smaller dimensions and bigger AR bandwidth; compared with the art [23], the proposed
antenna has compact dimensions with higher AR bandwidth; compared with [27], the proposed
antenna has much compact dimensions with high efficiency. Hence, based on the slow wave effect,
this novel implantable CP antenna is designed and miniaturized with the advantages of great size
reduction and high polarization purity. The merit performance of the proposed implantable antenna
shows the great potential in the application of biomedical telemetry, such as subcutaneous real-time
glucose monitoring.

Table 3. Comparison of the proposed antenna with prior art.

Ref.
Dimensions

(mm × mm × mm)

Bandwidth Peak Gain
(dBi)(S11 < −10 dB) (AR < 3 dB)

[5] 8.5 × 8.5 × 1.27 (92 mm3) 2.32–2.62 GHz (~12.2%) 2.42–2.48 GHz (~2.4%) −17
[21] 10 × 10 × 1.27 (127 mm3) 2.36–2.55 GHz (~7.7%) 2.44–2.48 GHz (~1.6%) −22
[23] π × (5.5)2 × 1.27 (~120 mm3) 2.31–2.51 GHz (~8.3%) 2.42–2.48 GHz (~2.49%) −22.7
[27] 10 × 10 × 1.27 (127 mm3) 2.35–2.50 GHz (~6.2%) 2.36–2.56 GHz (~8.13%) −27.2

This work 9.2 × 9.2 × 1.27 (107 mm3) 2.39–2.57 GHz (~7.2%) 2.39–2.48 GHz (~3.7%) −24.8

Author Contributions: X.L. and Y.F. conceived the initial project; J.L. performed the design and experiment;
Y.F. verified the results; Y.F. and J.L. prepared the original draft; Y.F. answered the comments and modified
the manuscript; T.C. reviewed the manuscript; X.L. supervised the project; all authors read and approved the
final manuscript.

Funding: This work was funded by the National Natural Science Foundation of China (No. 61372008), the Science
and Technology Planning Project of Guangdong Province (Nos. 2014A010103014 and 2015B010101006), and the
China Scholarship Council (No. 201706155018).

Acknowledgments: The authors would also like to thank the anonymous reviewers for their valuable comments
and suggestions in improving the quality of this paper.

Conflicts of Interest: The authors declare no conflict of interest.

References

1. Kiourti, A.; Nikita, K.S. A review of implantable patch antennas for biomedical telemetry: Challenges and
solutions. IEEE Trans. Antennas Propag. Mag. 2012, 54, 210–228. [CrossRef]

2. Soontornpipit, P.; Furse, C.M.; Chung, Y.C. Design of implantable microstrip antenna for communication
with medical implants. IEEE Trans. Microw. Theory Tech. 2004, 52, 1944–1951. [CrossRef]

3. Damis, H.A.; Khalid, N.; Mirzavand, R.; Chung, H.; Mousavi, P. Investigation of epidermal loop antennas
for biotelemetry IoT applications. IEEE Access. 2018, 6, 15806–15815. [CrossRef]

4. Neihart, N.M.; Harrison, R.R. Micropower circuits for bidirectional wireless telemetry in neural recording
applications. IEEE Trans. Biomed. Eng. 2005, 52, 1950–1959. [CrossRef] [PubMed]

66



Micromachines 2019, 10, 70

5. Liu, X.Y.; Wu, Z.T.; Fan, Y.; Tentzeris, E.M. A miniaturized CSRR loaded wide-beamwidth circularly polarized
implantable antenna for subcutaneous real-time glucose monitoring. IEEE Antennas Wirel. Propag. Lett. 2017,
16, 577–580. [CrossRef]

6. Shah, S.A.A.; Yoo, H. Scalp-implantable antenna systems for intracranial pressure monitoring. IEEE Trans.
Antennas Propag. 2018, 66, 2170–2173. [CrossRef]

7. Hall, P.S.; Hao, Y. Antennas and Propagation for Body-Centric Wireless Communications, 2nd ed.; Artech House:
Norwood, MA, USA, 2012.

8. Huang, F.J.; Lee, C.M.; Chang, C.L.; Chen, L.K.; Yo, T.C.; Luo, C.H. Rectenna application of miniaturized
implantable antenna design for triple-band biotelemetry communication. IEEE Trans. Antennas Propag. 2011,
59, 2646–2653. [CrossRef]

9. Duan, Z.; Guo, Y.X.; Xue, R.F.; Je, M.; Kwong, D.L. Differentially-fed dual-band implantable antenna for
biomedical applications. IEEE Trans. Antennas Propag. 2012, 60, 5587–5595. [CrossRef]

10. Kiourti, A.; Nikita, K.S. Miniature scalp-implantable antennas for telemetry in the MICS and ISM bands:
Design, safety considerations and link budget analysis. IEEE Trans. Antennas Propag. 2012, 60, 3568–3575.
[CrossRef]

11. Merli, F.; Bolomey, L.; Zurcher, J.F.; Corradini, G.; Meurville, E.; Skrivervik, A.K. Design, realization
and measurements of a miniature antenna for implantable wireless communication systems. IEEE Trans.
Antennas Propag. 2011, 59, 3544–3555.

12. Warty, R.; Tofighi, M.R.; Kawoos, U.; Rosen, A. Characterization of implantable antennas for intracranial
pressure monitoring: Reflection by and transmission through a scalp phantom. IEEE Trans. Microw.
Theory Tech. 2008, 56, 2366–2376. [CrossRef]

13. Xu, L.J.; Guo, Y.X.; Wu, W. Miniaturized dual-band antenna for implantable wireless communications.
IEEE Antennas Wirel. Propag. Lett. 2014, 13, 1160–1163.

14. Izdebski, P.M.; Rajagopalan, H.; Rahmat-Samii, Y. Conformal ingestible capsule antenna: A novel chandelier
meandered design. IEEE Trans. Antennas Propag. 2009, 57, 900–909. [CrossRef]

15. Liu, Y.; Chen, Y.; Lin, H.; Juwono, F.H. A novel differentially fed compact dual-band implantable antenna for
biotelemetry applications. IEEE Antennas Wirel. Propag. 2016, 15, 1791–1794. [CrossRef]

16. Xu, L.J.; Guo, Y.X.; Wu, W. Dual-band implantable antenna with open-end slots on ground. IEEE Antennas
Wirel. Propag. Lett. 2012, 11, 1564–1567. [CrossRef]

17. Liu, C.; Guo, Y.X.; Xiao, S. Compact dual-band antenna for implantable devices. IEEE Antennas Wirel.
Propag. Lett. 2012, 11, 1508–1511.

18. Liu, W.C.; Chen, S.H.; Wu, C.M. Bandwidth enhancement and size reduction of an implantable PIFA antenna
for biotelemetry devices. Microw. Opt. Technol. Lett. 2009, 51, 755–757. [CrossRef]

19. Jung, Y.H.; Qiu, Y.; Lee, S.B.; Shih, T.Y.; Xu, Y.; Xu, R.; Lee, J.; Schendel, A.A.; Lin, W.; Williams, J.C.;
et al. A compact parylene-coated WLAN flexible antenna for implantable electronics. IEEE Antennas Wirel.
Propag. Lett. 2016, 15, 1382–1385. [CrossRef]

20. Duan, Z.; Guo, Y.X.; Je, M.; Kwong, D.L. Design and in vitro test of a differentially fed dual-band implantable
antenna operating at MICS and ISM bands. IEEE Trans. Antennas Propag. 2014, 62, 2430–2439. [CrossRef]

21. Liu, C.R.; Guo, Y.X.; Xiao, S.Q. Capacitively loaded circularly polarized implantable patch antenna for ISM
band biomedical applications. IEEE Trans. Antennas Propag. 2014, 62, 2407–2417. [CrossRef]

22. Liu, C.; Guo, Y.X.; Xiao, S.Q. Circularly polarized helical antenna for ISM-band ingestible capsule endoscope
systems. IEEE Trans. Antennas Propag. 2014, 62, 6027–6039. [CrossRef]

23. Li, R.; Guo, Y.X.; Zhang, B.; Du, G.H. A miniaturized circularly polarized implantable annular-ring antenna.
IEEE Antennas Wirel. Propag. Lett. 2017, 16, 2566–2569. [CrossRef]

24. Li, J.M.; Chang, T.H.; Liu, X.Y. A compact circularly polarized antenna for in-body wireless communications.
In Proceedings of the 2017 IEEE International Symposium on Antennas and Propagation & USNC/URSI
National Radio Science Meeting, San Diego, CA, USA, 9–14 July 2017; pp. 2593–2594.

25. Chi, P.; Waterhouse, R.; Itoh, T. Antenna miniaturization using slow wave enhancement factor from loaded
transmission line models. IEEE Trans. Antennas Propag. 2011, 59, 48–57. [CrossRef]

67



Micromachines 2019, 10, 70

26. IEEE Standard for Safety Levels with Respect to Human Exposure to Radio Frequency Electromagnetic Fields, 3 kHz
to 300 GHz, IEEE Standard C95.1-2005; IEEE: New York, NY, USA, 2006; pp. 1–238.

27. Yang, Z.J.; Xiao, S.Q.; Zhu, L.; Wang, B.Z.; Tu, H.L. A Circularly polarized implantable antenna for 2.4-GHz
ISM band biomedical applications. IEEE Antennas Wirel. Propag. Lett. 2017, 16, 2554–2557. [CrossRef]

© 2019 by the authors. Licensee MDPI, Basel, Switzerland. This article is an open access
article distributed under the terms and conditions of the Creative Commons Attribution
(CC BY) license (http://creativecommons.org/licenses/by/4.0/).

68



micromachines

Article

A Compact Broadband Antenna with Dual-Resonance
for Implantable Devices

Rongqiang Li, Bo Li, Guohong Du, Xiaofeng Sun and Haoran Sun *

College of Electronic Engineering, Chengdu University of Information Technology, Chengdu 610225, China;
liyq2011@cuit.edu.cn (R.L.); throbb@163.com (B.L.); dghong@cuit.edu.cn (G.D.); sunxf@cuit.edu.cn (X.S.)
* Correspondence: sunhaoran@cuit.edu.cn; Tel.: +86-28-8596-6349

Received: 12 November 2018; Accepted: 14 January 2019; Published: 16 January 2019

Abstract: A compact broadband implantable patch antenna is designed for the field of biotelemetry
and experimentally demonstrated using the Medical Device Radiocommunications Service
(MedRadio) band (401–406 MHz). The proposed antenna can obtain a broad impedance bandwidth
by exciting dual-resonant frequencies, and has a compact structure using bent metal radiating strips
and a short strategy. The total volume of the proposed antenna, including substrate and superstrate,
is about 479 mm3 (23 × 16.4 × 1.27 mm3). The measured bandwidth is 52 MHz (382–434 MHz) at a
return loss of −10 dB. The resonance, radiation and specific absorption rate (SAR) performance of the
antenna are examined and characterized.

Keywords: implantable antenna; patch antenna; biotelemetry; specific absorption rate (SAR); Medical
Device Radiocommunications Service (MedRadio) band

1. Introduction

Biotelemetry provides transmission of physiological signals from inside the human body to
outside it, or vice versa. One of its applications is in the field of implantable medical devices (IMDs) [1].
An implantable antenna is a key component to communicate wirelessly between external equipment
and IMDs in a human body [2,3]. Usually, an implantable antenna is used in the medical implant
communications service (MICS) band (402–405 MHz), which was extended to the Medical Device
Radiocommunications Service (MedRadio) band (401–406 MHz) in 2009. The implantable antenna
in the human body faces many challenges, such as miniaturization, bandwidth, biocompatibility,
and human body safety considerations.

Planar inverted-F antennas (PIFAs) have been used in the design of implantable antennas by many
research groups because of their advantages [4–9]. Compared with conventional microstrip antennas,
PIFAs have some desirable features, such as smaller size and nearly omnidirectional far-field radiating
patterns. On the one hand, miniaturization is a key requirement for an implantable antenna due to
some strict size constraints inside the human body. Kimi et al. [4] proposed two compact implanted
antennas by using meandered and spiral structures, but they both have a larger size. Liu et al. [5]
realized a miniaturized implantable antenna by embedding some slots in the ground plane. However,
the slotted ground designs may be limited to application scenarios where there are no conductors on
the ground plane. Li et al. [6] proposed a miniaturized implantable antenna by continually meandering
two radiating edges of a square ring. We proposed a compact semi-circular implantable antenna by
cutting three arc-shaped slots in a semi-circular patch [7]. However, the antennas in [6,7] have narrow
bandwidth. On the other hand, an implantable antenna needs a wide impedance bandwidth to avoid
frequency shift due to intersubject variations of the electrical properties of human body tissues and
inaccuracies of fabrication and testing. To broaden the antenna impedance bandwidth, some methods
have been used. Liu et al. [8] designed an implantable antenna by arranging a rectangular three-layer
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slotted patch structure. However, the stacked structure usually has a large thickness. A pi-shaped
PIFA structure with two meandered strips was proposed for implantable biotelemetry in [9], but this
antenna has a relatively large size. In addition to planar inverted F antennas, some other technologies
have also been used to design wideband implantable antennas, such as monopole antennas [10], dipole
antennas [11], loop antennas [12] and slot antennas [13]. An implantable broadband antenna was
designed by combining a sigma-shaped monopole radiator and a novel C-shaped antenna to excite two
modes [10]. Xu et al. [11] realized the bandwidth enhancement of a conformal implantable antenna
by connecting a strip and a simple dipole to obtain dual-resonance. In [12], a flexible loop antenna
by introducing three complementary split ring resonators (CSRRs) was used to improve the antenna
impedance matching and obtain broad bandwidth. In [13], a coplanar waveguide-fed wideband
dual-ring slot antenna was proposed to improve the antenna gain. Antennas in references [11–13]
were designed as flexible and conformal structures for some special application scenarios.

In this paper, we propose a compact broadband implantable antenna with dual resonance for
implantable medical devices. The metal radiating strips of the antenna were properly bent to obtain
dual-resonant frequencies and a compact structure. Details of the antenna design and experimental
results are presented and discussed.

2. Antenna Structure and Design

2.1. Antenna Structure

Figure 1 illustrates the geometry of the radiating metal layer, which consists of two mutually
inverted rectangular opening rings and a C-shaped strip. The C-shaped strip has a short via and is
surrounded by the inner of two opening rings. Thus, the proposed antenna can form a PIFA structure
and resonate at a relatively low frequency. The antenna is fed by a 50 Ω coaxial cable, which is located
at the internal rectangular opening ring. Figure 2 shows the one-layer skin simulation model based
on [14] for the proposed implantable antenna, placed 3 mm from the top and bottom of the skin surface,
and 40 mm from the other surfaces of skin. The electrical property parameters of this skin mode at 402
MHz are εγ = 46.7, σ = 0.69 s/m, in the simulation. This antenna is fabricated on a 0.635-mm-thick
Rogers 6010 substrate, whose dielectric constant and loss tangent are respectively 10.2 and 0.0023,
and covered by a superstrate of the same material. It is worth noting that, according to [14], the model
in Figure 2 is a simplification of a three-layer model with similar return loss performance. In the
three-layer model, the antenna is located under the skin adjacent to the fat layer. In reality, an antenna
does not directly touch human tissue, which is placed in an implantable device, and the implantable
device is placed in the human body. Some optimum parameters of the antenna derived using the high
frequency structure simulator (HFSS) are given in Figure 1, and the other parameters are: Ls = 3.6 mm,
Lf = 15.8 mm, L1 = 4.2 mm, L2 = 10.7 mm.

Figure 1. Geometry of the proposed implantable antenna (unit: mm).

70



Micromachines 2019, 10, 59

Figure 2. Side view of simulation model for the proposed implantable antenna.

2.2. Current Distributions of the Radiating Strips

In this work, the broad impedance bandwidth is due to a combination of two neighboring resonant
frequencies at 391 MHz and 412 MHz. To better understand the operating mechanism, the current
distributions of the proposed antenna at two resonant frequencies are shown in Figure 3. At 391 MHz,
the current path of the inverted rectangular opening rings on the left side of the short via is opposite
to one on the right side, and indicates that either part of the metal radiating strip resonates at this
low frequency. At 412 MHz, the current of the two inverted rectangular opening rings flows in the
same direction from one end to the other, and indicates that the whole metal strip contributes to the
high resonant frequency. Thus, the antenna can realize dual resonances to obtain a broad impedance
bandwidth. It is also worth mentioning that the current distribution at 402 MHz is similar to that at
412 MHz, which is not shown here for brevity.

  

(a) (b) 

Figure 3. Current distributions of the proposed antenna at (a) 391 MHz; (b) 412 MHz.

2.3. Parametric Study

In order to achieve the proper resonant frequencies in Figure 1, parameters Ls (the short position),
Lf (the feed position), and L1 and L2 (the tuned strip length) are analyzed by the electromagnetic
simulator Ansoft HFSS. To accurately assess the influence of these parameters, only one parameter at a
time is varied while others are kept constant. Figure 4a shows that the shorter the length Ls, the higher
the low resonant frequency around 391 MHz. However, the short position Ls has little effect on the
high 412 MHz resonant frequency in the simulation. Therefore, we can conclude that the C-shaped
strip in Figure 1 mainly contributes to the low 391 MHz resonant frequency. Figure 4b also shows the
effect of the feed position Lf on return loss. It is found that the longer the length Lf, the higher the low
resonant frequency around 391 MHz. Similarly, the feed position hardly affects the resonant frequency
of 412 MHz.

In order to further analyze the operation principle of the antenna, an antenna with different tuned
strip length L1 was examined. As shown in Figure 4c, the longer the length L1, the lower the high
resonant frequency about 412 MHz. However, the tuned strip length L1 has almost no effect on the low
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391 MHz resonant frequency. It is also worth pointing out that, according to simulation, the effect of L2

on resonant frequency is similar to that of L1. On the other hand, it can be concluded from Figure 3
that the total metal strip length contributes to the high resonant frequency, which is consistent with the
conclusion of Figure 4c.

(a) (b) (c) 

Figure 4. Comparison of |S11| of the proposed antenna with different geometric parameters: (a) short
position Ls; (b) feed position Lf; and (c) tuned strip length L1.

3. Results and Discussion

Photographs and the experimental setup of the fabricated antenna, including its superstrate,
are shown in Figure 5. Figure 5a displays a photograph of the exploded flat antenna. The assembled
flat and bent antennas with a 50 Ω coaxial cable are shown in Figure 5b,c, respectively. Figure 5d
shows the experimental setup for the return loss measurement of the antenna in this study. According
to [15], the permittivity and conductivity of chopped pork are similar to that of human skin in the
MedRadio band, so the antenna was measured by using chopped pork. Figure 6 shows a comparison
of measured and simulated return loss of the proposed antenna. The measured return loss agrees well
with the simulation. The simulated −10 dB impedance bandwidth (IBW) is 49 MHz (378–427 MHz),
and the measured |S11| is from 382 MHz to 434 MHz below −10 dB and has a bandwidth of 52 MHz,
which completely covers the MedRadio band (401–406 MHz). Compared with the simulation, the
slight frequency shift could be caused by unexpected fabrication tolerance and solder roughness.

  

(a) (b) 

  

(c) (d) 

Figure 5. Photographs and experimental setup of the proposed antenna. (a) Photograph of the exploded
flat antenna; (b) photograph of the assembled planar antenna; (c) photograph of the assembled bent
antenna; (d) experimental setup.
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Figure 6. Measured and simulated |S11| of the proposed implantable antenna.

Typically, the implanted antenna is placed in a fixed position in the stationary human body. When
the human body moves, bent and twisted antennas can be used to mimic it. In order to further analyze
the performance of the proposed antenna in different cases, we compared the measured |S11| of
the flat case and two bent cases with different bent angles T = 10◦ and T = 20◦ along the line AB in
Figure 5c. Here, the experimental setup of Figure 5d is still employed. Measured results of the flat and
bent antennas are shown in Figure 7. When the antenna is bent along the line AB, the high resonant
frequency of the antenna is slightly lowered, while the low resonant frequency significantly increases,
so the −10 dB impedance bandwidth is continuously reduced. However, it continues to completely
cover the MedRadio band. It should be noted that the antenna cannot be arbitrarily distorted due to
the limitation of the selected substrate in this work. By using ultra-thin and well-stretched substrates,
related experiments will be conducted in the future.

Figure 7. Measured |S11| of the flat and bent antenna with different angles.

The simulated two-dimensional far-field gain pattern of the proposed antenna at 402 MHz is
shown in Figure 8. The pattern is nearly omni-directional on the YZ-plane with a peak gain of −34.9 dBi.
In addition, we have evaluated the 1-g averaged specific absorption rate (SAR) for consideration of
human body safety concerns [16]. When the delivered power of the proposed antenna is assumed to
be 1 W, the maximum SAR value at 402 MHz is 284.5 W/kg. Therefore, the allowed transmitter power
is 5.62 mW to satisfy the 1-g SAR regulation.
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Figure 8. Simulated 2D patterns for the proposed implantable antenna at 402 MHz.

The size, −10 dB impedance bandwidth and peak gain of the proposed antenna are compared
with those of previous broadband implantable antennas in the MICS or MedRadio bands in Table 1.
From Table 1, we can see that our antenna has a wider bandwidth than other compact narrowband
antennas [6,7]. In [8,9], complex stacked structures were used. A broadband monopole antenna
with C-shaped coupled ground was adopted in [10], and has a slightly larger volume. In our work,
by exciting dual resonant frequencies, a new implantable antenna with a single-layer radiating patch
was proposed. Therefore, compared to similar broadband antennas [8–10], our antenna has good
comprehensive performance in terms of structure, volume and bandwidth. It can be concluded
that our antenna has a new structure and good comprehensive performance based on the results of
the comparison.

Table 1. Performance comparison of the proposed antenna and other similar implantable antennas.

Reference Volume (mm3)
−10 dB Impedance Bandwidth

(IBW) (MHz)
Peak Gain (dBi)

[6] 198 394–419 −32.4
[7] 151 398–423 −33.2
[8] 190 385–425 −26.0
[9] 791 353–473 −27.2

[10] 560 368–687 −28.0
This paper 479 378–427 −34.9

4. Conclusions

In this paper, we propose a broadband implantable antenna and discuss the bandwidth-increasing
technology of implanted antennas. By using a bending and shorting strategy for a single-layer metal
radiating patch, a novel dual-resonant implantable antenna in the MedRadio band has been presented.
The proposed antenna has a 52-MHz measured bandwidth and a compact planar structure, without
stacked metal radiating layers. The size of the proposed antenna is 23 × 16.4 × 1.27 mm3, which can
be further reduced to meet the requirements of implantable microdevices by using a high dielectric
constant and ultra-thin substrate. Good agreement is obtained between simulation and measurement
for the return loss. In order to mimic human motion, the measured |S11| of the antenna in a flat and
two bent cases is compared. Additionally, the radiation performance of the antenna and the human
body safety performance were evaluated. The proposed antenna would be a promising candidate for
implantable devices in the biotelemetry field owing to its advantages.

Author Contributions: R.L. provided the idea and built the model, B.L. performed computer simulations; R.L.
and G.D. co-wrote the paper; X.S. reviewed the final manuscript; H.S. performed the experiments and analyzed
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Abstract: Round window (RW) stimulation is a new application of middle ear implants for treating
hearing loss, especially for those with middle ear disease. However, most reports on it are based on
the use of the floating mass transducer (FMT), which was not originally designed for round window
stimulation. The mismatch of the FMT’s diameter and the round window membrane’s diameter
and the uncontrollable preload of the transducer, leads to a high variability in its clinical outcomes.
Accordingly, a new piezoelectric transducer for the round-window-stimulating-type middle ear
implant is proposed in this paper. The transducer consists of a piezoelectric stack, a flextensional
amplifier, a coupling rod, a salver, a plate, a titanium housing and a supporting spring. Based on
a constructed coupling finite element model of the human ear and the transducer, the influences
of the transducer design parameters on its performance were analyzed. The optimal structure of
the supporting spring, which determines the transducer’s resonance frequency, was ascertained.
The results demonstrate that our designed transducer generates better output than the FMT, especially
at low frequency. Besides this, the power consumption of the transducer was significantly decreased
compared with a recently reported RW-stimulating piezoelectric transducer.

Keywords: piezoelectric transducer; middle ear implant; round window stimulation; hearing loss;
flextensional amplifier; finite element analysis

1. Introduction

Hearing loss is one of the most common physical disabilities in our society, affecting more than
538 million people worldwide [1]. Despite impressive advances in microsurgical techniques, audiology
and biotechnology, the relief we can offer to patients with hearing loss is still inadequate, especially
for patients with sensorineural hearing loss [2]. Hearing aids can accomplish partial rehabilitation
of sensorineural hearing loss; however, only a minority of patients choose to use them due to their
inherent disadvantages, such as limited amplification, acoustic feedback, poor fidelity and the stigma
of aging [3]. To overcome these shortcomings of conventional hearing aids, many institutions began
to develop middle ear implants (MEIs) [4–8] which treat hearing loss directly by their implanted
transducer’s mechanical stimulation of the patient’s ossicular chain. However, attaching the transducer
to the ossicular chain is difficult in patients with middle ear disease, such as middle ear malformation,
chronic otitis media and otosclerosis. To solve this issue, an alternative approach of coupling the
transducer to the ear by stimulation of the round window (RW) membrane, called RW stimulation,
has been widely investigated [9–11].

Although clinical data have confirmed the feasibility of RW stimulation, its outcomes have shown
high variability. To determine the cause of these large variations, a number of studies have been
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conducted. Since the MED-EL Vibrant Soundbridge’s floating mass transducer (FMT)—the transducer
that has been widely used clinically for RW stimulation—has a diameter similar to the diameter of
the RW, Nakajima et al. concluded that the bony overhang surrounding the RW could hinder the
coupling of the FMT’s motion to the RW [12]. Although introducing a compliant coupling layer
between the transducer and the RW membrane would improve the vibration transmission to the
RW [13], the coupling condition is difficult to control in surgery. Schraven et al. even stated that the
high variability in the postoperative outcome of RW stimulation is primarily owing to the success of
this coupling [14]. Besides this, Maier et al. performed an experimental study on human temporal bone
which indicated a clear dependency of the sound transmission efficiency on the static force applied to
the RW membrane [15]. Furthermore, based on an experimental investigation, Muller et al. suggested
that the optimal preload of the transducer should less than 20 mN [16]. However, as most transducers
used in the clinic are not originally designed for RW stimulation, the preload of the transducer on the
round window membrane (RWM) cannot be precisely monitored.

In addition to high output variability, reports also show that using the FMT for RW stimulation
has a considerably low output at lower frequencies (< 1 kHz) [17,18]. To address this issue, Shin et al.
designed a novel piezoelectric transducer specifically for RW stimulation [19]. In comparison with the
widely used electromagnetic transducer, that is, the FMT, their experimental results demonstrated that
their transducer has excellent low-frequency output. Moreover, this piezoelectric transducer displays
the advantages of ease of fabrication, wider bandwidth and compatibility with an external magnetic
environment. However, the preload of the transducer applied to the RW membrane is still difficult to
precisely control.

Accordingly, in this paper, we propose a new piezoelectric transducer incorporating a preload
visual indicator for RW stimulation. Besides this, to further decrease the power consumption of
the piezoelectric transducer, we introduced a flextensional amplifier for the piezoelectric stack in
the transducer. Then, based on a coupling finite element model of a human ear and the transducer,
the main design parameters of the transducer were optimized to produce sufficient driving force for
RW stimulation. The results indicate that the new piezoelectric transducer not only has excellent
output over the audio frequency range but also significantly decreases the power consumption.

2. Materials and Methods

2.1. Concept and Structure of the Piezoelectric Transducer

Figure 1 shows a schematic view of the proposed round-window-stimulating-type middle ear
implant (RW-MEI) in the human ear. This RW-MEI mainly consists of three parts: a piezoelectric
transducer, a microphone and an assembly of a signal processing module and a rechargeable battery.
The microphone, which is implanted near the entrance of the ear canal to take advantage of the
natural sound filtering from the pinna, is responsible for picking up sound from the outside and
generating a corresponding electrical signal. Then, the signal is transmitted to the signal processing
module, which processes it according to the patient’s individual hearing loss conditions and produces a
driving electrical signal for the implanted piezoelectric transducer. Finally, the piezoelectric transducer,
which is placed in the middle ear cavity with its tip attached to the round window membrane, converts
the electrical signal into a mechanical vibration that is delivered directly to the cochlea. In the cochlea,
the vibration is detected by hair cells and perceived as sound.

The inner structure of the round-window-stimulating-type piezoelectric transducer is shown
in Figure 2. This transducer is composed of a coupling rod, a salver, a piezoelectric component,
a titanium housing, a plate and a supporting spring. The piezoelectric component consists of two
parts: a piezoelectric stack and a flextensional amplifier. The flextensional amplifier was introduced
to amplify the displacement output of the piezoelectric stack, so as to decrease the required driving
voltage and reduce the power consumption. To enable the surgeon to detect the preload applied on
the RW membrane, a force visual indicator was set on the supporting spring. During the surgical
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procedure, the transducer is implanted into a bone bed drilled behind the mastoid. The back end
of the supporting spring is contacted with the bony wall opposite the RW membrane. The other
end of the supporting spring fixes to a plate, which connects with the base side of the piezoelectric
components. Biocompatibility of the piezoelectric component is secured by coating its entire surface
with biocompatible materials and putting it into a titanium housing. Besides this, according to an
experimental study by Arnold et al. [20], the vibration transmission to the cochlea is best when the
transducer output is perpendicular to the round window membrane. To ensure the direction of the
transducer output, we fixed the transducer’s output coupling rod on a salver, which is settled in the
titanium housing and connected the salver with the piezoelectric component. The geometry of the
salver’s outer wall is consistent with that of the titanium housing’s inner wall, thereby forming a
sliding pair and guiding the output direction of the piezoelectric component along the longitudinal
direction of the titanium housing. The tip of the coupling rod attaches to the round window membrane
and transmits the transducer’s vibration to the cochlea.

 

Figure 1. Concept illustration of the round window (RW)-stimulating-type middle ear implant.

 

Figure 2. The inner structure of the proposed piezoelectric transducer.

2.2. Design of the Piezoelectric Transducer

2.2.1. Design of the Piezoelectric Component

The piezoelectric component of this transducer consists of a piezoelectric stack and a flextensional
amplifier, as shown in Figure 3. Considering the small space in the human middle ear cavity,
where the transducer is implanted, the size of the transducer should be restricted. For comparison,
the piezoelectric stack used in this study is the same as that used by Shin et al. [19]. Specifically,
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this piezoelectric stack is made of lead zirconate titanate ceramics (PZT-8) with dimensions of 0.9 mm
× 0.9 mm × 1.6 mm, which is small enough for this application. This piezoelectric stack has a layer
number of 222 to produce 300 nm displacement under a voltage of 6 V. The flextensional amplifier was
incorporated to further decrease the transducer’s power consumption. As shown in Figure 3, once the
piezoelectric stack generates a Δx deformation driven by a voltage, the flextensional amplifier would
generate an amplified output displacement: Δy. Their relationship can be expressed as Equation (1),
where G is the displacement amplification ratio of the flextensional amplifier. The value of G can be
estimated based on Equation (2):

Δy = GΔx (1)

G = L/2D (2)

where L is the length of the amplifier’s inner cavity and D is the amplifier’s unilateral inner concave
depth. Considering the spatial limitation in the middle ear cavity, the height (H), the width (W) and
the thickness of the amplifier were set to 1.3 mm, 2.0 mm and 0.9 mm, respectively. L and D were set to
1.6 mm and 0.15 mm. The thickness of the flexible arm was set to 42 μm. According to Equation (2),
the obtained amplification ratio is 5.3.

 

Figure 3. The structure of the piezoelectric component.

2.2.2. Design of the Supporting Spring

The design of the supporting spring significantly influences the transducer’s resonant frequency.
Considering that the middle ear implant is designed for compensating hearing loss, its frequency
characteristics should be similar to those of the human middle ear. Based on a human temporal
bone experiment, Homma et al. reported that the human middle ear resonant frequency is around
0.8–1.2 kHz [21]; therefore, the resonant frequency of our designed transducer should lie within this
frequency range.

To facilitate the design of this supporting spring, we constructed a finite element model of the
piezoelectric transducer, as shown in Figure 4. This finite element model consists of six components:
the coupling rod, the salver, the flextensional amplifier, the plate, the titanium housing and the
supporting spring. The piezoelectric stack, which is made of PZT-8, was meshed by 1600 hexahedral
elements. The density of PZT-8 is 7600 kg/m3. The other material properties of it are listed in Table 1.
The piezoelectric finite element model equations can be written in terms of the nodal displacement U
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and nodal electrical potential Φ for each node. Under the action of the nodal electric charge Q and the
external mechanical forces F, the equilibrium equations are expressed in matrix form as [22]

[
Muu 0

0 0

][
Ü
Φ̈

]
+

[
Cuu 0

0 0

][ .
U
.

Φ

]
+

[
Kuu Kuϕ
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�
Ωe

Bϕ
TεBϕdV

Muu = ρ
�
Ωe

Nu
TNudV, Cuu = fiKuu

denoting the mechanical stiffness matrix, piezoelectric coupling matrix, dielectric stiffness matrix,
mass matrix and mechanical damping matrix, respectively.

Figure 4. Finite element model of the proposed piezoelectric transducer.

Table 1. Material parameters of lead zirconate titanate ceramics (PZT-8).

Elastic Stiffness Constant (GN/m2)
Piezoelectric Constant

(C/m2)
Permittivity Constant

(× 10−10 F/m)

cE
11 cE

12 cE
13 cE

33 cE
44 cE

66 e15 e31 e33 εs
11 εs

33

146.9 81.1 81.1 131.7 31.4 32.9 10.3 −3.9 14.0 114.2 88.5

All the other parts of the transducer are made of titanium. The corresponding density is
4430 kg/m3, the Young’s modulus is 116 GPa and the Poisson’s ratio is 0.32. The flextensional
amplifier was meshed by 7680 hexahedral elements. The salver, titanium housing, plate and
supporting spring were meshed by 15224, 13076, 13228 and 21144 tetrahedral elements, respectively.
The connections between the coupling rod and salver, the salver and the flextensional amplifier,
the flextensional amplifier and plate and the plate and the supporting spring were modeled by
coupling the corresponding finite element nodes of them. The end of the supporting spring was fixed
by defining a fixed constraint on the corresponding nodes. The influence of the supporting spring’s
cross-sectional area on the transducer’s frequency characteristics was analyzed by changing the width
of its cross section (L in Figure 5). The model-predicted transducer output velocity is shown in Figure 6,
in which the transducer was driven by a voltage of 0.5 V. It shows that when the cross-sectional
area of the supporting spring changes from 0.024 mm2 to 0.036 mm2, 0.048 mm2, or 0.060 mm2,
the transducer’s resonant frequency changes from 788 Hz to 938 Hz, 1082 Hz, or 1243 Hz, respectively.
To make sure that the transducer has a resonant frequency close to 1100 Hz, we selected 0.048 mm2 as
the cross-sectional area of the supporting spring. Thus, the final width of the supporting spring was
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0.4 mm. Based on this geometric size, the static analysis showed that the visual indicator deformed
20 μm under 20 mN; therefore, the width of the two bars on the visual indicator was set to 20 μm to
make them coincide when the transducer preload increases to 20 mN.

Figure 5. The structure of the supporting spring.

 

Figure 6. The effect of the supporting spring’s cross-sectional area on the output of the transducer.

2.2.3. Design of the Coupling Rod Tip

Experimental and theoretical studies have shown that the geometry of the transducer’s tip,
which connects the round window membrane and transmits vibration to the cochlea, influences the
transducer’s hearing compensation performance [13,23]. To facilitate the design of our coupling rod’s
tip, we utilized our previously established human ear finite element model (as shown in Figure 7),
which is composed of the middle ear and cochlea. In this paper, we modified the Young’s modulus
of some tissues according to literature reports to improve the reliability of this model. The changed
parameters and their referenced sources are listed in Table 2. To confirm the validity of the model,
we carried out three sets of comparisons with reported experimental results. Firstly, considering
that the stapes is responsible for transmitting sound into the cochlea, we calculated its footplate
displacement in our model and compared it with Gan et al.’s data [24], as shown in Figure 8. Then,
the cochlear input impedance, which also reflects the sound transfer property from the middle ear
into the cochlea, was also selected to verify our model. The model-predicted result was plotted
with published experimental reports [25–27], as shown in Figure 9. Finally, the excited response at a
specific place (12 mm from the stapes) on the basilar membrane was calculated and compared with
Stenfelt et al. [28] and Gundersen et al.’s [29] measurement data (Figure 10). These comparisons show
that our model-predicted results are generally consistent with the experimental data. Thus, we can use
this model to aid in the design of this transducer.
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Figure 7. The constructed human ear finite element model.

Table 2. The modified Young’s modulus values in our human ear finite element model.

Components Young’s Modulus, N/m2 Ref.

Incudostapedial joint 4.4 × 105 [30]
Stapedial annular ligament 1.5 × 104 [31]

Lateral mallear ligament 6.7 × 104 [31]
Superior mallear ligament 4.9 × 104 [31]

 

Figure 8. Comparison of stapes footplate displacement under 90 dB sound pressure level (SPL) applied
at the eardrum.

 

Figure 9. Comparison of the cochlear input impedance: (a) magnitude; (b) phase.
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Figure 10. Comparison of the relative basilar membrane motion level at 12 mm from the stapes:
(a) magnitude; (b) phase.

Based on this verified human ear finite element model, we constructed a coupling mechanical
model of the human ear and the piezoelectric transducer by coupling the nodes of the transducer’s tip
with the attached nodes on the round window membrane. The final constructed coupling model is
shown in Figure 11. Then, we changed the coupling rod tip’s geometry and size to study the effect of
these parameters on the transducer’s performance. As shown in Figure 12, the following five tips were
analyzed: (a) a 0.5 mm diameter spherical tip; (b) a 0.5 mm diameter cylindrical tip; (c) a cubic tip with
a 0.44 mm × 0.44 mm square top surface; (d) a 0.72 mm diameter cylindrical tip; and (e) a cubic tip with
a 0.64 mm × 0.64 mm square top surface. The influence of these tips on the transducer’s performance
is shown in Figure 13. It demonstrates that, with the same diameter, the transducer with the cylindrical
tip can stimulate the stapes footplate velocity more than can the transducer with the spherical tip.
However, with the same cross-sectional area, the performance of the transducer with the cylindrical
tip is similar to that with the cubic tip. Besides this, when the transducer’s tip cross-sectional area
increased from 0.2 mm2 to 0.4 mm2, the transducer-stimulated stapes footplate velocity increased
significantly, especially at high frequency. Considering that most sensorineural hearing loss is severe
at high frequency and that the cubic tip is more likely to contact the bony surrounding of the round
window, we selected the 0.72 mm diameter cylindrical tip, which has a cross-sectional area accounting
for 20% of the RW membrane’s cross-sectional area, as our transducer coupling rod’s tip.

 
Figure 11. Constructed coupling model of the human ear and the piezoelectric transducer.
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Figure 12. The studied transducer coupling rod’s tips with different geometries: (a) 0.5 mm diameter
spherical tip; (b) 0.5 mm diameter cylindrical tip; (c) cubic tip with a 0.44 mm × 0.44 mm square
top surface; (d) 0.72 mm diameter cylindrical tip; (e) cubic tip with a 0.64 mm × 0.64 mm square
top surface.

 

Figure 13. The influence of the coupling rod tip’s geometry on the transducer’s performance (at 0.5 V).

2.3. Evaluation of the Transducer’s Performance

To evaluate the hearing compensating performance of our designed transducer, we calculated
the stapes velocity and compared it with those driven by 94 dB sound pressure level (SPL) sound
stimulation applied to the eardrum. Then, the transducer-excited response was converted to
the equivalent sound pressure level at the eardrum to generate the same response of the stapes.
The corresponding equivalent sound pressure (ESP) of the transducer’s stimulating performance was
calculated according to Equation (4):

Peq = 94 + 20 log10(
vtr

vac
) (4)

where vac is the sound-stimulated (94 dB SPL) velocity of the stapes and vtr is the corresponding
transducer-stimulated velocity of the stapes.
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3. Results

The model-predicted stapes footplate velocity stimulated by the piezoelectric transducer is shown
in Figure 14. For comparison, the stapes footplate velocity excited by 94 dB sound pressure applied at
the eardrum was also plotted. It demonstrates that the stapes velocity stimulated by this piezoelectric
transducer at 0.5 V is similar to that under eardrum acoustical stimulation at 94 dB SPL. Besides this,
at high frequency, the piezoelectric-transducer-stimulated stapes vibration is considerably larger than
that by acoustical stimulation.

 

Figure 14. Stapes vibration stimulated by the piezoelectric transducer (0.5 V) and acoustic stimulations
(94 dB SPL at the eardrum).

Figure 15 shows the equivalent sound pressure excited by the piezoelectric transducer at 0.5 V.
It indicates that the piezoelectric transducer driven by 0.5 V can generate about 100 dB SPL equivalent
sound pressure at the eardrum below 3 kHz, 110 dB at 4 kHz and 120 dB above 6 kHz. Considering
many middle ear implant studies use 100 dB SPL as the design criterion, this piezoelectric transducer’s
output is adequate. Meanwhile, it also demonstrates that the transducer can compensate severe
hearing loss at high frequency, which is a valuable advantage given that most sensorineural hearing
loss deteriorates high frequencies more severely than it does low frequencies.

 

Figure 15. Equivalent sound pressure for the piezoelectric transducer stimulation at 0.5 V.
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4. Discussion

Since human ear is a biology system with a complex structure and ultra-small dimension,
systematic experimental study on it for the transducer is difficult to carry out. To aid the design of the
transducers in the middle ear implants, many studies utilized human ear finite element models [32–34].
Their experimental results have confirmed the validation of this method. Thus, in this paper, we take
the same method to optimize our transducer. Furthermore, to ensure the accuracy of our model,
we constructed our human ear finite element (FE) model based on high-resolution micro-CT scanning
images of fresh human temporal bone. Besides this, we further carried out three sets of comparisons
with reported experimental data to verify our FE model’s reliability. Comparison results show that
our human ear FE model is reliable and can be used to aid the design of the transducer of middle
ear implant.

To treat sensorineural hearing loss in the presence of middle ear disease, in which a transducer
cannot couple to the ossicular chain, MED-EL Vibrant Soundbridge’s FMT has been widely implanted
on the round window membrane clinically. However, the FMT was not originally designed for RW
stimulation. There exists a geometric mismatch between the FMT (with a diameter of 1.8 mm) and the
round window membrane (with a diameter of 1.5–1.9 mm [35]). This geometric mismatch would cause
the transducer to attach to the bony surrounding of the round window and decrease its transmission
efficiency to the cochlea. The tip of our transducer specifically designed for RW stimulation has a
diameter of 0.72 mm. This diameter is much less than that of the round window membrane and
guarantees the stability of the transducer’s performance. Our study also shows that the piezoelectric
transducer’s transmission efficiency is proportional to the cross-sectional area of the transducer’s tip.
This result is consistent with that of the experimental report conducted by Schraven et al. [23].

The preload of the transducer on the round window membrane also affects the transducer’s
performance and leads to variability in patients’ postoperative outcomes [15,18]. Based on a human
temporal bone experiment, Mathias further suggested that the optimal preload of the transducer
should be less than 20 mN [16]. However, it is difficult to control the preload during surgery for
FMT implantation, since the FMT is fixed just by putting cartilage or connective tissue behind it.
Our piezoelectric transducer introduces a force visual indicator with two bars which would coincide
when the applied force equals 20 mN. This force visual indicator can help the surgeon to monitor
the preload of the transducer during the operation. Besides this, Ishii et al. found that a force of
564 mN applied on the round window membrane would rupture the membrane [36] and lead to
further hearing loss. Therefore, the incorporated force visual indicator can also assist the surgeon to
prevent the round window membrane’s rupture and protect the patient’s residual hearing.

Hearing loss compensating capability, which should meet the patient’s requirement, is a crucial
criterion for middle ear implant design. As previously noted, RW stimulation is a new application
of middle ear implants for treating sensorineural hearing loss in the presence of middle ear disease.
Since most sensorineural hearing loss is severe at high frequency [2], the transducer should have
good performance at high frequency. Besides this, as middle ear diseases (e.g., otosclerosis) are
usually worse at low frequency, low-frequency capability is also important for round window
stimulation. However, the widely used RW-stimulating transducer, that is, FMT, is designed
for stimulating the incus long process and treating sensorineural hearing loss. Clinical reports
show that it has a poor output at low frequency [10,37]. In order to study the performance of
our designed transducer comparatively, a comparison between our transducer-stimulated stapes
velocity with that driven by the FMT is made in Figure 16. In this figure, the FMT-stimulated
results were obtained from Nakajima et al.’s experimental data [12], which were measured in
the human temporal bone. For comparison, the acoustical-stimulation-excited (94dB SPL) stapes
velocities taken from the ASTM-F2504 standard [38] were also plotted in Figure 16. It shows that the
FMT-simulated stapes response is similar to that excited by acoustical stimulation at high frequency
(>1000 Hz) but significantly smaller at frequencies lower than 1000 Hz, especially at 250 Hz. The poor
low-frequency performance would lower patients’ speech perception (vowel sounds) and music
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perception. In contrast, our designed transducer not only provides a superior output at high frequency
but also generates sufficient stapes response at low frequency. This characteristic would benefit
the compensation of mixed hearing loss, which has been encountered in the clinical practice of
RW stimulation.

The performance of the novel piezoelectric transducer specifically designed for round window
stimulation by Shin et al. [19] was also selected for comparison. As shown in Figure 16, compared with
the FMT, Shin et al.’s piezoelectric transducer also has an excellent low-frequency output. The stapes
velocities driven by Shin et al.’s piezoelectric transducer is similar to those excited by normal acoustical
stimulation at low frequency (<1000 Hz). Moreover, Shin et al.’s transducer has a better performance
at high frequency. Compared with Shin et al.’s results, our designed piezoelectric transducer can
stimulate greater stapes response at low frequency. However, it should be noted that the stapes
velocities plotted in Figure 16 were derived from different human temporal bones. Thus, comparison
of only the transducer-stimulated stapes velocities neglects the individual influence of the temporal
bone used. To address this issue, we further calculated the equivalent sound pressure based on the
corresponding temporal bone’s acoustical stimulation result, as shown in Figure 17. It demonstrates
that under a 0.5 V driving voltage, our piezoelectric transducer can generate an ESP similar to that
driven by Shin et al.’s transducer at 6 V.

 

Figure 16. Comparison of stapes responses driven by our piezoelectric transducer and reported
transducers.

The above reduction of the required driving voltage is mainly attributed to the improved fixation
method of our transducer. Shin et al.’s transducer was fixed by placing dental resin cement on the
side of their transducer’s housing; therefore, the coupling condition of the transducer with the round
window membrane is difficult to control. Similar to Shin et al.’s transducer, the coupling condition
of the FMT is also difficult to control. Investigations of different coupling conditions with FMT in
temporal bones, Arnold et al. found that variability between individual results was about 40 dB when
using standard-fixation method [39]. To figure out the influence of the transducer’s coupling condition
in Shin et al’s experiment, we calculated the ideal stapes footplate velocity excited by Shin et al.’s
transducer using our human ear FE model. Since their transducer’s diameter (1.75 mm) is bigger than
the diameter of our model’s round window membrane (1.6 mm), we cannot construct a coupling model
of their transducer and our human ear FE model. Considering that an ideal piezoelectric transducer
is a displacement-driven transducer [40], we stimulated our model’s round window membrane
directly using their transducer’s output displacement. The model-predicted results are also plotted in
Figures 16 and 17. They show that the simulation result for Shin et al.’s transducer is significantly larger
than their experimental result. The fixation method of their transducer introduced a deterioration
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of 5 dB (at 375 Hz) to 24 dB (at 1395 Hz) in the equivalent sound pressure, which is consistent with
Arnold et al.’s results [39].

 

Figure 17. Comparison of the equivalent sound pressures of our piezoelectric transducer and
reported transducer.

In addition to the improved fixation method of the transducer, the introduction of the flextensional
amplifier in our transducer also reduced the required driving voltage and boosted the hearing loss
compensating performance. To analyze this improvement, we compared the simulated stapes footplate
velocities driven by our transducer and Shin et al.’s transducer under the same driving voltage
(6 V). Under this simulation, the coupling condition’s influence of Shin et al.’s transducer was
excluded by applied their transducer’s output directly on the round window membrane of our model.
The calculated gain in our transducer-stimulated velocity relative to that by Shin et al.’s transducer is
shown in Figure 18. It demonstrates that our transducer did amplify the stimulated stapes velocity,
especially at low frequency (<1 kHz), with an amplification gain of about 5. This amplification gain
value is close to that (5.3) which we aimed for during the design of the flextensional amplifier (in
Section 2.2.1).

 

Figure 18. The gain in our transducer-stimulated velocity relative to that stimulated by Shin et al.’s
transducer (6 V) [19].
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A middle ear implant is a device implanted in the human ear; therefore, its transducer’s power
consumption should be restricted. The piezoelectric transducer’s behavior can be approximated to
that of a capacitor when its working frequency is far less than its resonant frequency. As shown in
Equation (5), the piezoelectric transducer’s power consumption can be calculated as [5]

Prms = IrmsVrms cos θ= 2π f CV2
rms cos θ (5)

where Vrms is the driving voltage, f is the frequency, C is the capacitance of the transducer’s
piezoelectric stack and cos θ is the power factor. Considering that our piezoelectric stack is the
same one used by Shin et al., the decrease in the transducer’s power consumption is proportional to the
square of the voltage increase. Therefore, the reduction of our designed transducer’s working voltage
will significantly decrease its power consumption, which is an advantage for a totally implanted
hearing device.

Compared with FMT, our transducer’s structure is relatively complicated. This because of the
fact that the FMT was not designed specifically for the RW stimulation; therefore, it does not contain
the fixation part fixing the device against the round window and the coupling rod transmitting
its vibration to the round window membrane. Nevertheless, compared with other commercial
piezoelectric transducers for the middle ear implants, for example, Envoy Medical Corporation’s
Esteem [41], our transducer’s mechanical structure is still simple. The key component of our transducer
is the piezoelectric component as it responsible for converting the electrical signal to vibration and
stimulating the round window membrane. The piezoelectric component consists of two parts: the
flextensional amplifier and the piezoelectric stack. The piezoelectric stack, which is used in our
transducer, is a commercial product (PAZ-10-0079) produced by Murata Manufacturing Co., Ltd.
(Kyoto, Japan). In terms of the flextensional amplifier, its dimensions are compatible to that of the
flextensional amplifier fabricated by Wang et al. [42]. Therefore, the mechanical structure of the
piezoelectric transducer is acceptable in terms of fabrication.

5. Conclusions

Currently, the transducer widely used for round window stimulation (i.e., FMT) has three
inherent shortcomings: mismatch between the diameter of the transducer and the RW membrane,
uncontrollable preload and poor low-frequency output. To overcome these problems, we proposed a
new piezoelectric transducer specifically for round window stimulation. To facilitate the design process
of this transducer, a coupling finite element model of the transducer and a human ear was constructed.
Then, the transducer’s key design parameters were optimized based on this model. The transducer’s
hearing loss compensating performance was also studied and compared with those of the FMT and a
recently reported piezoelectric transducer. The results show that our designed transducer generates
better output than the FMT, especially at low frequency. Besides this, the power consumption of the
transducer was significantly decreased compared with that of a recently reported RW-stimulating
piezoelectric transducer.

In subsequent research, we will fabricate the piezoelectric transducer and carry out a human
temporal bone experiment to evaluate its feasibility.
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Abstract: We developed an implantable electrocardiogram (ECG) monitoring system and
demonstrated its performance through an in vivo test. In the system, the implantable device senses
not only the ECG signal of the animal but also the voltage level of the secondary cell and temperature
inside the implantable device, and users can check the transmitted information through a PC program
or a mobile application. The adoption of wireless charging technology eliminates the use of a lead wire
and repetitive surgery to replace the implantable device. The proposed wireless charging technology
demonstrated experimentally a wireless power transfer efficiency of approximately 30%. To minimize
the size of the implantable device, the antenna and coil were integrated into a size of 34 mm × 14 mm.
Communication between the implantable device and the basestation can reach up to 2.4 m when the
implantable device is inserted into a porcine skin sample.

Keywords: electrocardiogram (ECG); implantable device; MedRadio; wireless charging; wireless
power transfer

1. Introduction

As the fourth industrial revolution has accelerated, Internet of Things (IoT) technologies have
spread deeply into human lives. In the early stage, IoT technologies were mainly applied to home
appliances as additional convenience features. Recently, the application of IoT technology has extended
beyond the simple control of objects to the sensing of human bio-signals.

As bio-signals are generally very weak, biosensors should have contact with the human body.
Electrocardiogram (ECG) sensors used to monitor arrhythmia have been developed primarily as
patch types [1,2]. Recently, many of the emerging sensors such as electric, optic, and chemical
sensors have been introduced to sense various physiological signals on the epidemies [3]. However,
existing patch-type ECG sensors should be attached to the human body, causing serious inconvenience
to people in need of service. For this reason, many biosensors have evolved into implant or remote
sensing devices. Remote sensing devices have been mainly developed using radar technologies,
which sense changes in periodic motions such as heart rate and respiratory function [4,5]. On the
other hand, the implantable devices directly sense the bio-signals inside the human body and transfer
the sensed signals to a device outside the body. The implantable devices are mainly powered by the
primary cells. However, the primary cells have a limited life, and thus additional surgery is required
to replace dead cells on a regular basis. To relieve these problems, wireless power transfer (WPT)
technology has been applied to devices that are implanted into shallow organs through the skin [6–12].
The functions of the implantable devices can be largely classified into three categories: Monitoring,
treatment, and auxiliary. First, monitoring devices sense and observe the patient’s vital signals [5,6];
a typical example of such a device is the loop recorder which records heartbeats. Second, examples of
therapeutic implantable devices include pacemakers and dorsal stimulators [7–9]. These devices
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directly drive an electrical stimulation to organs such as the heart or nerve. Finally, auxiliary
implantable devices include cochlear implants and retinal implants. They change external sounds
or lights to electrical signals and deliver the changed signals to the auditory or optic nerves [11,12].
Therapeutic or auxiliary implantable devices are limited to people suffering from special diseases or
handicaps, whereas monitoring implantable devices can be applied to an ordinary person. In particular,
implant monitoring systems can be effective for people living in areas where immediate medical
services are not available.

Most of the state-of-art implantable devices work only when powered wirelessly from
out-body [13]. Previous ECG implantable devices also work in a similar way [5,6]. For small animals,
there is no problem even if the implantable device operates only during wireless power transmission.
However, for patients with a chronic disease, inadequate mobility, or arrhythmia, it is necessary
to continuously monitor vital signs 24/7. In this case, it is virtually impossible to continuously
supply power from the outside. To solve this problem, in this paper, we adopt WPT technology to
wirelessly charge the secondary cell in an implantable device. This solution can continue to operate
the implantable device until the secondary cell is discharged. Additionally, we demonstrate a system
for monitoring an ECG signal, one of the most basic of human bio-signals, from the subcutaneous fat
of the human body.

2. Prototype and Demonstration of ECG Monitoring System

Figure 1 shows a diagram of the developed prototype used to monitor ECG signals. An ECG
sensor is implanted in the subcutaneous fat to sense the ECG signals and transfer the sensed
signal to the basestation through the medical device radio communication service (MedRadio) band.
The basestation collects the ECG signals and transfers power to the implantable device using WPT
technology when the battery voltage level of the implantable device is low. A personal terminal is
connected to the basestation through Bluetooth, and the user checks and monitors the status of the
person with the implantable device.

Figure 1. Electrocardiogram (ECG) monitoring system diagram.

Figure 2 shows the developed prototype modules. The dimensions of the implantable device and
the basestation are 19.4 mm × 55.4 mm × 9 mm and 71 mm × 77 mm × 22 mm, respectively. In the
personal terminal, the developed monitoring application shows the ECG signals of the user and the
temperature inside the implantable device, as well as the battery voltage level of the implantable device.

As shown in Figure 3, the prototype was implanted into a 40 kg Hanford (HAN) miniature pig
to demonstrate its performance. Because the implantable device is small, only a small incision was
required. The implantable device was implanted in the subcutaneous fat layer of the chest.

After the device was implanted, the collected ECG signals and temperature were displayed on the
monitoring program in real time, as shown in Figure 4a. In addition, power was wirelessly transferred
to the implantable device from an external transmitting coil just above the skin, as shown in Figure 4b.
Figure 5 shows a photograph of the monitor program displaying three types of information. As the
ECG signal of the pigs differs from that of humans, the ECG signal in Figure 5 looks unusual, but
works properly with periodic signals. The program displays the sensed temperature of 22.5 ◦C, while
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the body temperature of a typical pig is approximately 40 ◦C [14]. This discrepancy is caused by not
measuring the contact body temperature but measuring the temperature inside the implantable device.
Finally, we recharged the secondary cell wirelessly for 1 h after fully discharging it to check the wireless
charging function. The implantable device operated normally, and the charged battery had a voltage
of approximately 3 V, as shown in Figure 5.

Figure 2. Developed prototype modules of the ECG monitoring system.

  
(a) (b) 

Figure 3. Animal experiment: (a) Test animal and (b) photograph of implanting the device into
subcutaneous fat.

 
(a) (b) 

Figure 4. Animal experiment: (a) Experiment setup and (b) wireless charging.
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Figure 5. Sensed bio-signals and battery voltage level on the monitoring program.

3. Implantable Device

Figure 6 shows the developed implantable device consisting of a system on a board (SoB), an
antenna and a coil board, a secondary cell, and a package.

Figure 6. Configuration of the implantable device.

For long-term operation of the device with a single charge, a secondary cell with a large capacity
is required. In general, the capacity of the secondary cell increases with its volume, and thus a cell with
a large volume is required for a long operation period, which undesirably increases the dimensions
of the implantable device. With the maximally optimized integration of an electric circuit on the
board, the ECG sensor, telemetry and control unit, and WPT circuits, the implantable device was
implemented in a single board of 50 mm × 5 mm, and the SoB was placed on the side of the secondary
cell. In contrast, the antenna for the telemetry and the coil for the wireless charging should be large so
as to secure a large effective area in the electromagnetic receiving ends. To this end, the antenna and
coil were integrated and placed on the front side of the secondary cell.

Figure 7 shows a photograph of the developed SoB upon which the ECG sensor, temperature
sensor, main control unit (MCU), radio-frequency (RF) transceiver for telemetry, and WPT receiving
unit are integrated. In this section, we describe these units of the implantable device in detail.
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(a) 

 
(b) 

Figure 7. The developed system on a board (SoB) for ECG sensing, telemetry, and wireless power
transfer (WPT) receiving: (a) Front and (b) back sides.

3.1. Sensor Unit

To capture the electric potential generated by the heart, the two electrodes must be on different
equal-potential lines. This means that the distance between the two electrodes should be several
centimeters or more [15]. Based on the measurement of the ECG signal according to the distance
between the two electrodes, a minimum distance of 35 mm is required to obtain a stable ECG signal.
Thus, the pads for connecting two electrodes were placed on both sides of the SoB, as shown in
Figure 7.

The structure of the ECG sensor is shown in Figure 8. Because the heart-generated electric
potential is low, within the range of 1–5 mV, the instrumentation amplifier was implemented using a TI
INA333 (Texas Instruments, Austin, TX, USA) to amplify the sensed differential signals. Additionally,
the high- and low-pass filters were cascaded, and the notch filter eliminated the power line noise of
60 Hz. The output of the ECG sensor entered the analog digital converter (ADC) of the MCU.

Figure 8. Block diagram of the ECG sensor.

At the development stage, we received the ECG signal from the sensor after attaching commercial
ECG patches on the wrists or chest, as shown in Figure 9. Based on the sensed ECG signal, we tuned
the cutoff frequencies of the high- and low-pass filters. The ECG signal is so weak that it is easily
contaminated from a 60 Hz noise generated by surrounding power lines. Actually, a noise of 60 Hz was
observed when the battery as well as power supply were powered to the sensor. Therefore, a 60 Hz
notch filter was applied to the SoB.

Figure 9. Testing the ECG signals from the wrists and chest.
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Figure 10 describes the experiment setup used to measure the power consumption of the ECG
sensor module. The ECG simulator provided a virtual ECG signal, and only the parts related to the
ECG sensor were turned on. For the power supply, the current provided at a supply voltage of 3 V was
0.3–0.4 mA during an active state. A Murata NCP series part was used to measure the temperature
inside the implantable device, and a voltage-distributed circuit, configured for a series of resistances,
was used to measure the voltage level of the secondary cell. According to the part’s datasheet, the
operating temperature range was from −40 to 125 ◦C, but the temperature sensor was calibrated at
5-degree intervals from 20 to 40 ◦C, and we confirmed that the temperature sensor normally senses the
right value under the circuit board.

Figure 10. Power consumption test of the ECG sensor.

3.2. Telemetry and Control Unit

Figure 11 shows the block diagram of the SoB. The output data of the sensor units, such as the
ECG, temperature, and battery voltage, were input to the ADC ports of the MCU and converted into
digital data. The MCU processed and stored the imported sensing data and controled a RF transceiver
as well as the sensors using the serial peripheral interface bus (SPI). The used RF transceiver and MCU
were the Microsemi’s ZL70102 and the TI’s MSP430, respectively.

Figure 11. Block diagram of the SoB.

Next, the converted digital data was transmitted to the basestation through the RF link. Of the
various frequency bands, the MedRadio has been allocated in the 401–406 MHz for data transmission
of an implanted medical device by the Federal Communication Commission (FCC) [16]. The ZL70102
transceiver operates in the MedRadio for telemetry and 2.45 GHz industrial scientific medical (ISM)
band for waking up the sleep mode of the transceiver, respectively. Therefore, two antennas for
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MedRadio and 2.45 GHz ISM band were installed, as shown in Figure 11; a chip antenna for the
2.45 GHz frequency band and a printed antenna for the MedRadio band. The printed antenna is
described in detail in the Section 3.4.

Since the implantable device operates with limited battery capacity, low power consumption
is one of the most important considerations. To measure the power consumption, we measured the
DC current supplied by the secondary cell in the active and sleep modes, as shown in Figure 12.
The DC rated supply voltage of the secondary cell was 3.0 V, so the estimated power consumption was
18.82 mW and 0.09 mW in the active and sleep modes, respectively.

 
(a) (b) 

Figure 12. Experiments for measuring the power consumption (a) in the active mode and (b) in
sleep mode.

The maximum communication range is another figure of merit of an implantable device. When the
implantable device is on the desk, the measured maximum range was 4.2 m. However, since the
implantable device should ultimately work in the human body, the communication range was
measured with the implantable device located in the human body mimicking material called a
phantom. As shown in Figure 13, we inserted the implantable device in the phantom and a
slice of pork and measured the maximum communication range by varying the distance between
the device and basestation. The experimental results confirm that the maximum communication
range of the implantable device with the basestation was 2.4 m for the phantom and 2.8 m for the
pork environments.

In addition, we also measured the maximum data rate from the implantable device to the
basestation. Figure 14 shows that the implantable device can transmit all data, including the sensing
and control signals, to the basestation at a data rate of 127 kbps. In this case, the 12-bit ADC of the
MCU was operated with sampling rate of 100 Hz.
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(a) 

 
(b) 

Figure 13. Experiment setup used to measure the maximum communication range when the
implantable device is placed inside the (a) phantom and (b) pork.

Figure 14. Data rate test result.

3.3. Wireless Power Transfer (WPT) Unit

The 13.56 MHz power signal from the receiving coil of the implantable device was converted
into DC power by the WPT receiving unit, and the converted DC power was used to charge the
secondary cell.

Figure 15 shows a block diagram of the WPT receiving unit. The receiving and transmitting
coils were designed to have a high Q-factor at an operating frequency of 13.56 MHz. The matching
network with an L-section structure has two functions: One for generating resonance and the other for
transferring the coil impedance to the input impedance of the full bridge rectifier.
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Figure 15. Block diagram of the WPT receiving unit.

The maximum distance between the transmitting and receiving coils was about 20 mm because
the implantable device was inserted into the subcutaneous fat and the transmitting coil was located
on the skin. For this reason, we designed the matching network to achieve the maximum power
transfer efficiency (PTE) at a distance of 20 mm. A full bridge rectifier converting AC to DC power
was implemented using an Avago HSMS2828. The linear charge management controller, a Microchip
MCP73831, effectively charges the secondary cell depending on the battery status, and the user can
check the charge status through the LED which emits red light only when charging is in progress.
The LED light can be used only for in vitro experiment, therefore, when the device is implanted in a
human body, the user can check whether the device is being charged by receiving the battery voltage.

Biological tissue does not have magnetic properties [17], and thus has little effect on the magnetic
field and PTE. Nevertheless, we tested the wireless charging using pork, as shown in Figure 16.
The lit LED indicates that the wireless charging function is working properly. To estimate the accurate
charging power and PTE, we measured the charging current and voltage, which are the output of the
linear charge management controller, as shown in Figure 17. At a distance of 20 mm, the charging
power was estimated to be 75.66 mW (19.767 mA × 3.8257 V). The total PTE was also estimated to
be 30.26% based on the 250 mW of maximum available power of the function generator. There is a
typical trade-off between the PTE and the size of the receiving coil, and thus the larger the size of the
receiving coil, the higher the PTE.

  
(a) (b) 

Figure 16. Wireless charging test in pork at distances of (a) 1 and (b) 2 cm.

3.4. Antenna for MedRadio and Coil for Wireless Charging

For the implantable device to communicate with the basestation and wirelessly charge, the
antenna and receiving coil should face outward. The larger the size of the units, the higher the gain and
the quality factor (Q-factor). To design a compact antenna and coil, we integrated them as described
in Reference [18]. As the key feature of the design, a high-permeability sheet, such as ferrite, was
introduced to the dielectric substrate to minimize the antenna and coil size and enhance the operating
bandwidth of the antenna.

The integrated coil and antenna were designed as shown in Figure 18; the antenna is inside the
integrated surface, and the coil surrounds the outside of the antenna. Compared with the structure in
Reference [18], the size of this version increased from 30 mm × 5 mm to 34 mm × 14 mm, making
full use of the area of the secondary cell. For the coil, the number of turns was reduced from 4 to 2,
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and the line width widened through the optimization process. The antenna has a meandering planar
inverted-F antenna (PIFA) structure, the designed parameters for which are summarized in Table 1.

 
(a) (b) 

Figure 17. Measurement setup for (a) charging current and (b) voltage of the secondary cell.

(a) 

 
(b) 

 
(c) 

Figure 18. Geometry of the resonant coil and MedRadio antenna: (a) Top, (b) side, and (c) bottom.

Table 1. Parameters of the designed antenna.

Parameters L1 L2 d h v f

value (mm) 23.2 5.5 1 3 3 5.2
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The characteristics of the antenna are described in detail in Reference [19]; however, the effects of
the outer coil are not included. Using the phantom, we measured the return loss of the antenna with
the coil, the simulation results of which are shown in Figure 19. As the simulation results indicate,
the antenna has a broad bandwidth of 380 MHz with a −10 dB bandwidth criterion. However, the
measured results show a bandwidth of 264 MHz, which is sufficiently wide to cover the MedRadio
frequency band of 401–406 MHz.

Figure 19. Reflection coefficient frequency responses with respect to frequency.

In the simulation, the antenna showed a gain of −30 dBi at 403 MHz. Based on the regulation that
the equivalent isotropic radiated power (EIRP) of the MedRadio antenna should be limited to 25 μW
(−46 dBm), the input power of the antenna should be less than −16 dBm. The input power can be
controlled from −30 to −1 dBm using a RF transceiver.

For the implantable antenna, the maximum specific absorption rate (SAR) is also a significant
consideration. The IEEE C95.1 standard restricts the spatial SAR peak to less than 1.6 W/kg (SAR1g,
max ≤ 1.6 W/kg) as averaged over any 1 g of cubic-shaped tissue [20]. According to the EM simulation,
the antenna has a 1-g SAR of 39.4 W/kg (peak SAR value) when 1 W of power is delivered to the
antenna, which indicates that the delivered power should be less than 40 mW. In our system, the
maximum power from the RF transceiver is 1 mW, and therefore the implantable device complies with
the above-mentioned SAR restriction.

The system parameters of the coil are summarized in Table 2. The Q-factor of the coil is about
twice that of the previous coil described in Reference [18]. In addition, as a result of the increased size
of the receiving coil, the size of the transmitting coil is also increased, and the transmitting coil has
a larger Q-factor than that of the transmitting coil in Reference [18]. As a result, the efficiency of the
link is increased by approximately three times. The link efficiency shown in Table 2 is defined as the
efficiency between two coils, which is the efficiency excluding the influence of the low dropout (LDO)
regulator in the PTE mentioned above.

Table 2. Parameters and performance of the receiving coil.

Parameters L R Q-Factor Link Eff.

value 0.18 μH 0.316 Ω 48.48 0.61
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3.5. Thermal Analysis

Implantable sensors are known to potentially induce inflammation of body tissues if a temperature
change of more than 1 ◦C occurs. For this reason, the average temperature change of an implantable
device should be minimized. As shown in Figure 20, we took snapshots of the temperature distribution
on the SoB using an infrared (IR) camera and performed a thermal analysis. First, we distinguished
the major hot spots and the parts causing hot spot, and then placed them apart. Finally, the output
power of the RF transceiver was adjusted to satisfy a temperature change of 1 ◦C or less.

 

Figure 20. Measurement setup for measuring the temperature distribution on the SoB.

After applying the thermal analysis results to the SoB, we observed the temperature distribution
for 30 min during which the monitoring system was operating, as shown in Figure 21. The changes of
average and maximum temperatures over time are shown in Figure 21b. Compared with the previous
version, the maximum temperature decreased by 0.5 ◦C at the RF transceiver, and the change of the
average temperature also decreased from 2.2 ◦C to 0.9 ◦C. Consequently, the overall temperature
change in this case was less than 1 ◦C.

(a) 

 
(b) 

Figure 21. Measured thermal characteristics of the revised SoB using a thermal analysis: (a) Snapshots
of the thermal distribution and (b) temperature changes.
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3.6. Battery and Package

A lithium polymer battery with a capacity of 165 mAh was used to supply the operating power.
As mentioned before, the implantable device consumes 6.27 mA and 0.03 mA of current during an
active and idle state, respectively. Therefore, a capacity of 165 mAh is computationally sufficient to
operate the implantable device all day long without idle. In actual operation, the implantable device
does not continuously detect the signal for a 24 h-period, and alternates between idle and active modes
depending on the user. We set the active mode to 5 s and the idle mode to 160 s. Thus, the operating
time of the implantable devicewith a single charge can be calculated from the following equation, and
the calculated duration time was 31.2 days.

165 mAh = Days × 24 h × 6.274 mA × 5 s + 0.031 mA × 160 s
5 s + 160 s

(1)

However, a digital omnipolar magnetic switch (MDT MMS2X1H) connected to the LDO regulator
enables the user to forcibly turn the implantable device on and off using an external magnet if necessary.
This function can prevent unnecessary power consumption by turning off the power when the sensor
is not used before or after putting it into the human body.

Biocompatibility is the most stringent precondition for implantable devices; the implantable
device is safe to insert into the body and can operate in vivo. The biocompatibility is mainly affected
by the packaging material. The most commonly used materials for biocompatible materials are
cobalt-chromium, iridium, titanium, platinum, nitinol, specific glass, polydimethylsiloxane (PDMS),
polyurethane, polymethylmethacrylate (PMMA), and polyimide [21]. Polyurethane with excellent
electrical insulation characteristics was chosen as the packaging material. The package was sealed
with ultrasonic bonding. On the other hand, electrodes are needed to measure the electric potential
generated by the heart. Generally, wet electrodes such as Ag/AgCl electrodes are not suitable for
long-term cardiac monitoring due to skin irritation and allergic reactions [22]. Among various
dry electrodes, titanium exhibit excellent stability in vivo, so we used the electrodes fabricated
using titanium.

4. Basestation Module

The basestation receives the bio- and control signals from the implantable device through the
MedRadio band, and retransmits the signals to the user terminal via Bluetooth 4.0 low energy (BLE),
as shown in Figure 22. Except for Bluetooth, most of the blocks in the basestation are similar to the SoB
in the implantable device. The basestation includes LEDs indicating the charging state and connection
states between the implantable device and the user terminal.

Figure 22. Block diagram of the basestation.
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A commercial helical antenna is used for the MedRadio band, and chip antennas are used for the
2.45 GHz wake-up link and Bluetooth.

The power unit consists of a 1500 mhA lithium-polymer cell and LDOs, and users can control the
power with a slide switch. A mini USB is used to charge the secondary cell through a BQ24080 charger
and additionally transfer data to an external device via wire, and the charging status LED indicates
whether the battery is being charged.

5. Conclusions

We developed an implantable ECG monitoring system and demonstrated its performance through
an in vivo test using an animal. The ECG signal and temperature of the animal, as well as the voltage
level of the secondary cell, were received from the implantable device and were confirmed using a
PC program.

The implantable device with wireless charging technology does not require lead wires for the
power supply, and can be charged even when discharged. The applied wireless charging technology
shows a PTE of approximately 30%. A compact implantable device was developed by integrating a
MedRadio antenna and a wireless charging coil. When implanted in pork, the developed device can
communicate with the external basestation at up to a distance of 2.8 m. The implanted device consumes
a current of 6.27 mA in an active state, and the adopted battery capacity is 165 mAh; therefore, it
is sufficient to charge the implanted device once a month even if an ECG signal is continuously
sensed. In addition, the system can be used to monitor cardiac arrhythmias and additionally manage
experimental animals.
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Abstract: Obstructive sleep apnea (OSA), which is caused by obstructions of the upper airway, is a
syndrome with rising prevalence. Mandibular advancement splints (MAS) are oral appliances for
potential treatment of OSA. This work proposes a highly-sensitive pressure sensing array integrated
with a system-on-chip (SoC) embedded in a MAS. The device aims to measure tongue pressure
distribution in order to determine the efficacy of the MAS for treating OSA. The flexible sensing
array consists of an interdigital electrode pair array assembled with conductive polymer films and
an SoC capable of retrieving/storing data during sleep, and transmitting data for analysis after
sleep monitoring. The surfaces of the conductive polymer films were patterned with microdomed
structures, which effectively increased the sensitivity and reduced the pressure sensing response
time. The measured results also show that the crosstalk effect between the sensing elements of the
array was negligible. The sensitivity of the sensing array changed minimally after the device was
submerged in water for up to 100 h.

Keywords: obstructive sleep apnea; mandibular advancement splint; pressure sensing array;
conductive polymer; system-on-chip

1. Introduction

Epidemiological studies published during the past decade have shown that the prevalence of
obstructive sleep apnea (OSA) was, on average, about 22% in men and 17% in women. Some studies
have also shown that the prevalence has increased significantly (from 2008 to 2013, a 37% increase for
men and a 50% increase for women) [1]. Hypercapnia, hypoxemia, and sleep fragmentation are typical
OSA symptoms and are caused by the collapse of the upper airway while sleeping [2]. Patients with
OSA are at higher risk of being involved in a vehicle crash due to OSA-related characteristics such
as daytime sleepiness, high apnea-hypopnea indices (AHI), and low oxygen saturation levels [3].
Moreover, OSA may increase the possibility of fatal cardiovascular events [4].

Nasal continuous positive airway pressure (CPAP) is the most common treatment for OSA.
Although health-related improvements with CPAP have been demonstrated, the inconvenience and
discomfort of using CPAP has resulted in relatively low acceptance rate by patients, which limits
its clinical effectiveness. In recent years, oral appliances, particularly mandibular advancement
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splints (MAS), which increase the airway lumen volume by shifting the positions of the jaw and
tongue, have been developed as a potential alternative treatment for OSA [5]. While MAS have been
demonstrated to be effective for some patients, they may be ineffective for other patients or even result
in worse OSA syndromes. Therefore, various research teams around the world have reported studies
on the fundamental mechanism and efficacy of MAS therapy for OSA.

In general, the change in the airway lumen volume caused by using MAS can be observed
by using tools such as endoscopy [6,7], lateral cephalometric radiography [8,9], fluoroscopy [10,11],
computed tomography (CT) [12,13], and magnetic resonance imaging (MRI) [14,15]. In Ref. [6],
Ryan et al. studied the correlation between the improvement in OSA symptoms and the
changes in pharyngeal dimensions produced by a MAS by videoendoscopy of the upper airway.
Mehta et al. [8] conducted a randomized controlled study of MAS for OSA using lateral cephalometric
radiography. This study suggests that treatment outcome of MAS or OSA can be predicted by a
combination of anthropomorphic, polysomnographic, and radiographic measurements. In Ref. [10],
lateral cephalometric radiography and fluoroscopy were demonstrated to be effective at evaluating if
the advancement of the mandibular will increase the oropharyngeal airway of a patient. In addition,
cine CT was used to investigate the effect of MAS on pharyngeal size and shape [12]. Cross-sectional
CT images recorded pharyngeal changes for two cycles of respiration. Sanner et al. [14] presented a
method for predicting the efficacy of MAS for OSA by using ultrafast MRI to record the pharynx images
for patients during both transnasal shallow respiration and performance of the Muller maneuver.
These tools and methods are well-established and capable of acquiring accurate volumetric pharyngeal
images. However, some of them are quite expensive or bulky; therefore, the measurements can only be
performed in hospitals. As a result, these tools are not suitable for conducting measurement of OSA
patients during sleep.

This work proposes embedding a tactile sensing array in a MAS to monitor the position and
force of a patient’s tongue during sleep. The sensing device, which was fabricated by micromachining
techniques, consisted of a patterned conductive polydimethylsiloxane (PDMS) film and a flexible
printed circuit board (FPCB) with an array of interdigital electrode pairs. Multi-wall carbon nanotubes
(MWCNT) were employed as the conductive fillers in the PDMS film. Also, microdomed structures
were transferred onto the surface of the PDMS film using a nylon membrane filter as the mold.
The sensor array was connected to a system-on-chip (SoC) capable of retrieving/storing data during
sleep, and transmitting data for analysis after sleep monitoring.

2. Device Design and Operational Principles

2.1. Sensor Array Principle and Design

During sleep, gravity may contribute to the falling back of the soft palate and tongue; this in
turn narrows the upper airway and results in OSA symptoms [16], as shown in Figure 1a,b.
Therefore, detecting the tongue force imposed on the palate as well as the position of the tongue during
sleep may help improve MAS when treating OSA [17]. In this work, the proposed tactile sensing
array embedded in a MAS is capable of measuring these physical quantities. Figure 2a illustrates how
the pressure force distribution exerted on the palate during sleep can be measured by the proposed
sensing array on the MAS. Figure 2b shows that the falling back of the tongue due to gravity in the
supine posture can be readily detected by the sensing array.
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Figure 1. Illustration of the tongue falling back due to gravity. (a) Patient’s tongue touches onto palate
when sleeping. (b) Patient’s tongue falls back due to gravity.
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Sensing array

Tongue

(a) (b)

Max

min

Figure 2. Working principle of device: (a) Tongue pressure distribution measured by the sensing array.
(b) Change of pressure distribution after the tongue falls back.

Figure 3a,b show exploded and schematic views, respectively, of the proposed tongue
pressure-sensing device. As shown in Figure 3a, the sensing array consisted of four PDMS-MWCNT
polymer films and an FPCB with an array of interdigital electrode pairs (Flex PCB, Ping-Yi Electronics
Corporation, Taoyuan, Taiwan). By using a nylon membrane filter as the mold with numerous
micropores, microdomed structures were patterned on the surface of the polymer films.
These randomly distributed microdomed structures, which have an average base width of
approximately 4.5 μm, are essential to achieve high sensitivity for the pressure sensing element.
Figure 3b shows the assembled device embedded in a MAS.

Figure 3c shows a cross-sectional view of the contacting interface between the polymer film
and the interdigital electrode pair of the FPCB (without the SoC circuit). As uniform pressure is
applied, as shown in the right part of Figure 3c, the microdomed structures are deformed, which
in turn causes a rapid increase in the contact surface area between the conductive polymer and
the planar electrode. Therefore, the contact resistance decreases sharply as the applied pressure
increases. This sharp resistance change induced by small external forces is the so-called tunneling
piezoresistive effect [18]. Devices with this type of piezoresistive effect are much more sensitive than
typical conductive polymer-based devices [19].
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Figure 3. Diagrams of the tongue pressure-sensing device: (a) exploded view of the sensing
array, (b) schematic of the device embedded in a mandibular advancement splint (MAS),
and (c) cross-sectional view of the sensing element before and after pressure force is applied.

2.2. SoC Architecture

The SoC attached to the sensing array is capable of retrieving the detected signal from the sensing
array, wirelessly recharging the Li-ion battery, and wirelessly transmitting signals. A block diagram
of the SoC is shown in Figure 4. The system consists of an analog front-end (AFE) circuit, a 10-bit
successive-approximation-register (SAR) analog-to-digital converter (ADC), a low-power transmitter,
and a digital processor, which includes a digital micro-controller unit (MCU) and a power management
unit (PMU).
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Figure 4. System-on-chip (SoC) block diagram.

The AFE circuit utilizes a low-power operational amplifier to form a resistor feedback amplifier
with a loop gain defined by the ratio of resistors. The SAR ADC is utilized in the proposed system
because of its advantages such as low power, high resolution, and low topological complexity. The SAR
ADC is only suitable for operating at a relatively low frequency, which is appropriate in biomedical
applications. The operation of the SAR ADC is based on a binary-search algorithm, which finds the
final interval by comparing the sampled input signal with the voltages of Vref/2n sequentially.

3. Fabrication

3.1. Fabrication of the Conductive Polymer

The conductive polymer was a composite of MWCNT and PDMS. The prepolymer for the
PDMS-MWCNT composite was prepared by dispersing MWCNT (Golden Innovation Business Corp.,
New Taipei, Taiwan) with diameters of approximately 20 nm and lengths ranging from 10 to 50 μm
into hexane and mixing with PDMS prepolymer (Sylgard 184A, Dow Corning Corp., Midland,
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MI, USA) at a ratio of 4:1. The mixture was blended with a stirrer for 2 h. The concentration of
MWCNT in the PDMS-MWCNT prepolymer was about 6 wt %. Note that the hexane served as the
dispersant for improving prepolymer uniformity during blending. Then, the curing agent (Sylgard
184B, Dow Corning Corp., Midland, MI, USA) was dispersed with the PDMS-MWCNT prepolymer at
a ratio of 10:1 and stirred for 50 min. After degassing in a chamber for 120 min, the PDMS-MWCNT
prepolymer was ready for the subsequent soft-lithography process.

Figure 5 illustrates the fabrication process of the conductive polymer with microdomed structures.
First, a layer of 200-μm thick-film SU-8 photoresist (SU-8 2050, MicroChem Co., Westborough, MA,
USA) was spin-coated onto a silicon handling wafer, as shown in Figure 5a. Then, a nylon membrane
filter (MS® nylon membrane filter, Membrane Solutions Corp., Kent, WA, USA) with a pore size of 3 μm
was placed on the top surface of the SU-8 layer, as shown in Figure 5b. Next, a second layer of 200-μm
SU-8 was spin-coated (Figure 5c) and patterned with a dose of 300 mJ/cm2 (Figure 5d). As shown in
Figure 5e, the SU-8 mold was formed after SU-8 development. Then, a layer of 200-μm PDMS-MWCNT
prepolymer was added into the mold (Figure 5f) and cured at 95 ◦C for 5 h. After removing the SU-8
mold with a stripper (Remover PG, MicroChem Co., Westborough, MA, USA) (Figure 5g), the patterned
conductive polymer was peeled from the membrane filter (Figure 5h), and the patterns on the nylon
membrane filter were transferred to the conductive polymer. Figure 6a,b show scanning electron
microscopy (SEM) images of the surfaces of the nylon membrane filter and the patterned conductive
polymer, respectively. The conductive polymer films were then placed to the top of the electrode array
on the FPCB. The edges of polymer films were sealed by using PDMS prepolymer.

Spin-coating base SU-8
(a)

Placing membrane filter
(b)

Spin-coating second SU-8
(c)

Patterning SU-8 with UV-light
(d)

Developing  SU-8 mold
(e)

Filling conductive polymer
(f)

Removing SU-8
(g)

Peeling off conductive polymer
(h)

Conductive polymerPatterned SU-8 Membrane filterWafer SU-8

Figure 5. The fabrication process of the conductive polymer with microdomed structures.
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Figure 6. SEM pictures of the (a) nylon membrane filter and (b) conductive polymer. The scale bars
indicate a length of 50 μm.

3.2. Assembling and Packaging

Figure 7 shows mandible and maxilla molds on which a MAS was attached. Figure 7a shows
the MAS attached to the maxilla mold, and Figure 7b shows the MAS attached to the mandible
mold. The proposed device (i.e., the sensing array with the SoC circuit board) was glued to the
palatal plate of a MAS using denture resin (Hygenic® Denture Resin, Coltene Corp., Madrid, Spain).
The flexible sensing array was assembled with the conductive polymer films with microdomed
structures. The shape of the sensing array was designed to allow the sensing array to fit onto the
curved roof of the MAS as closely as possible. The sensing array was composed of 16 electrode pairs.
Each electrode finger was 400 μm wide, and the gap between fingers was 200 μm. The total sensing
area of the interdigital electrode array was 477 mm2. The SoC circuit board was connected to the
sensing array by soldering a 16-wire flexible flat cable between them. The PDMS prepolymer was
applied to the solder spot for both strength and isolation. The entire system was coated with a 3-μm
biocompatible Parylene-C film (Parylene-C, La Chi Enterprise Corp., Taipei, Taiwan).

  
(a) (b) 

Figure 7. The MAS attached to the (a) maxilla mold and (b) mandible mold.

Figure 8a shows a posterior view of the maxilla and mandible molds with the proposed device
attached. This picture also shows that the flexibility of the proposed sensing array device facilitates
its installation onto a customized MAS. Figure 8b shows a side view of the molds with the proposed
device attached.
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(a) (b) 

Figure 8. (a) Posterior view of the maxilla and mandible molds with the proposed device attached.
(b) Side view of the molds with the proposed device attached.

4. Measurements

The experimental setup for measuring the piezoresistive characteristics and dynamic responses
of the sensing elements are shown in Figure 9a,b, respectively. As shown in Figure 9a, the force
applied to the sensing element was measured using a force gauge (HF-1, resolution: 1 mN, ALGOL
Instrument Corp., Taoyuan, Taiwan) attached to a vertical translation stage (SR-300C, displacement
resolution: 1 μm, Dispenser Tech Corp., New Taipei, Taiwan). A circular polymethylmethacrylate
(PMMA) rod of 7.4 mm in diameter was glued on the sensing head of the force gauge. The resistance
of the sensing element was measured using a source meter (Model 2400, Keithley Instruments Corp.,
Solon, OH, USA). Figure 9b shows the experimental setup for measuring the dynamic responses of the
sensing element. A piezoelectric actuator (P-621.20L, Physik Instruments Corp., Karlsruhe, Germany)
was driven by a power amplifier fed with square wave signals generated by a function generator
(GFG8216A, GW Instek, New Taipei, Taiwan). The sensing element was periodically pressed and
released by a PMMA block attached to the head of the actuator. The contact area of the PMMA block
is 3 mm × 3 mm. A laser Doppler interferometer was employed to measure the displacement of the
actuator. The transient behaviors of the sensing element were retrieved using a simple circuit which
converted the resistance of the sensing element into a voltage output.

(a) (b)

Function 
generator

Power 
amplifierPiezoelectric 

actuator

Doppler 
interferometer

Signal condition circuit

Translational 
stage

Force gauge

Sensor

computer

Source meter

Figure 9. (a) Experimental setup for measuring the piezoresistive characteristics of the sensing element.
(b) Experimental setup for measuring the dynamic responses of the sensing element.
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Sensing elements with electrode finger widths of 300 μm (Device A) and 400 μm (Device B) were
fabricated and measured. The gap between fingers was 200 μm for both devices. Figure 10 shows
the results of the pressure-resistance measurement of the sensing elements. The results indicate that
the proposed devices exhibited high sensitivities at lower pressure region (below 10 kPa). It is worth
noting that the sensitivity of Device B was larger than that of Device A because Device B had a larger
effective electrode area due to its larger finger width. Table 1 shows the sensitivities calculated for
devices with various finger widths. Figure 11 shows the measured hysteresis effects of the fabricated
sensing element. The external pressure force slowly increased from zero to 70 kPa, and then retreated
to zero. As shown in the figure, the hysteresis effect was not significant. It is possibly because the
piezoresistive behavior of the proposed sensor is primarily caused by the sharp change in contact area
between microdomed structures and the electrodes, which predominates the viscoelastic response
observed in typical polymer-based piezoresistive material.

 
(a) (b) 

Figure 10. (a) Measured responses of the devices of various widths of electrode fingers. (b) Normalized
measured responses at lower pressure region (0–20 kPa).

 
(a) (b) 

Figure 11. (a) Measured hysteresis curve of the sensing element. (b) The subset of (a) in lower
pressure region.

Table 1. Sensitivities of the devices with different finger widths.

Devices Device A Device B

Finger width (μm) 300 400
Gap width (μm) 200 200

Sensitivity (kPa−1) 0.177 0.288

114



Micromachines 2018, 9, 352

Figure 12 shows the measured dynamic responses of the sensing element as it was periodically
pressed and released by the piezoelectric actuator. The sensor response lagged behind the motion of
the piezoelectric actuator by about 5 ms. Figure 13 depicts the results of repeatability and drift tests
by measuring the sensing element for 2500 cycles using the same experimental setup as shown in
Figure 9b driven with a 1-Hz square wave. Figure 13b is the subset snapshot of Figure 13a. The sensing
element exhibited reasonably good repeatability and was capable of long-term pressure sensing.

Figure 12. Dynamic square waves response of the sensing element.

(a) 

(b) 

Figure 13. Repeatability test of the sensing element: (a) 2500 s of the sensing element’s dynamic
responses. (b) A snapshot of (a) between 940 s and 960 s.
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Figure 14 shows the crosstalk effect measured between the sensing elements. An external pressure
force was exerted on point X, and the resistances at points M, G, L, H, D, and F were measured
separately. The measured results show that the resistance at point X decreased considerably as
pressure force was applied to point X, while the resistances of the adjacent points (i.e., M, G, L, H, D,
and F) were almost unchanged even when the applied force was raised to 125 kPa, which indicates
that the crosstalk effect was not discernible for the proposed sensing array.

D

X
ML

GF H

Figure 14. The measured normalized resistances for crosstalk effect measurements. The inset shows
the position of the corresponding sensing element on the array.

Changes in the proposed device’s sensitivity after the sensing array, which was packaged using
Parylene-C, was submerged in deionized water for 50 h, 75 h, and 100 h were evaluated to demonstrate
its water-resistant capability. As shown in Figure 15, the pressure-resistance curves of the sensing array
after being submerged in water for various periods of time were almost the same as the original one,
which indicates that the changes in sensitivity were negligible. This preliminary finding shows that
Parylene-C coating can provide reasonably effective short-term water-resistant capability.

Figure 15. Pressure–resistance curves after the packaged device was submerged in water for different
periods of time.
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Figure 16 shows screenshots of the sensing array’s responses to an artificial silicon tongue
touching the sensing array installed on a MAS that was attached between mandible and maxilla
molds. The insets in these sub-figures are the pressure distributions measured by the sensing array.
The color-bar legend is from 5 kPa (cyan) to 50 kPa (red). Figure 16a,b show the results of when the
artificial tongue pressed the center and posterior areas of the sensing array. Figure 16c,d show the
results of the tongue pressing the sinistral and dextral areas of the sensing array.

  
(a) (b) 

  
(c) (d) 

Figure 16. Screenshots of the sensing array measuring the pressure distribution of a silicon tongue.
The tongue is pressed against the center (a), posterior (b), left (c), and right (d) areas of the sensing array.

To achieve a sufficiently compact module fitting in the very limited space of a MAS, a specifically
designed SoC chip was realized by UMC 0.18 μm standard CMOS process (United Microelectronics
Corp., Hsinchu, Taiwan). Figure 17 shows the measured input-output characteristic of AFE by feeding
sinusoidal input signals with amplitudes ranging from 50 to 1800 mV. The blue line is the regression
line of small input voltage with a calculated gain of 1.21. The output amplitude starts to be compressed
when the input amplitude reaches around 850 mV. Figure 18 shows the measured ADC output codes
corresponding to different DC input levels from the AFE. The DC input levels from the AFE were 900,
1000, 1100, 1200, 1300, 1400, 1500, 1600, 1620, and 1640 mV. The corresponding output codes of ADC in
Figure 18 presented a quite linear characteristic. The glitches on these curves resulted from supply
and environmental noises which can be simply eliminated using additional off-chip components.
Figure 19 is the micrograph of the SoC implemented for the sensing array. The chip area, including
the testing pads, is 3.16 mm × 3.09 mm. Table 2 lists the measured performance summary which
concludes the detailed measurement results of all the sub-blocks in this SoC chip.
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Figure 17. Measured input–output characteristic of the analog front-end (AFE).
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Figure 18. Measured analog-to-digital converter (ADC) output codes corresponding to different DC
input levels from the AFE.

 

Figure 19. The micrograph of the System-on-Chip for the sensing array.
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Table 2. Summary of measured performance of the SoC.

Summary

Technology UMC 0.18um CMOS
Chip Area 3.16 × 3.09 mm2

Supply Voltage 1.8 V

Analog Front-end

SNR 63.1 dB
GainBWProduct 4.4 MHz

Linearity ~0.999
Sensitivity 14 mV/kPa

Power Consumption 6 mW

SAR ADC

Resolution 10 bit
Sampling Rate 200 kS/s

SFDR 74.0 dB@99.8 kHz
DNL +0.127/−0.18 LSB
INL +0.30/−0.14 LSB

ENOB 9.47 bit@99.8 kHz
Power Consumption 6.24 mW

Digital Control Circuits

Clock Rate UART: 38.4 KHz; Scan rate: 1 Hz
Power Consumption 2.53 mW

Buck DC-DC Converter

Input voltage 3.6 V
Power Consumption 6 mW @ 98 mA, η = 78.3%

OOK Transmitter

Carrier Frequency 403 MHz (MICS)
Output Power −14 dBm

Power Consumption 1 mW

Off-chip Components

Li-ion Battery 3.6 V/50 mAh
Power Consumption EEPROM: 0.72 mV @ Read; 9 mV @ Write

5. Conclusions

This work presented a highly-sensitive pressure sensing array integrated with an SoC circuit
embedded in a MAS for measuring tongue pressure distribution. The proposed flexible device
consists of an FPCB with an interdigital electrode array with conductive polymer films and an SoC
for retrieving, storing, and transmitting data. The pressure sensing array exhibited high sensitivity
and rapid response because of the microdomed structures patterned onto the conductive polymer
films. The crosstalk effect between adjacent sensing elements was not obvious. In addition, the device
displayed effective short-term water-resistant capability. The proposed device can be used to assist
physicians to study and improve the efficacy of MAS for OSA.
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