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Over the past decades, design and development of portable devices for monitoring of biomarkers especially for at risk patients is receiving considerable attention.
These devices are either single use diagnostic platforms, wearable on body or on fabric, or they are implanted close to the tissue and organ that it monitors and cures.
Sensors, energy sources, and data acquisition devices are the main components of
a such monitoring platform. Sensors collect the information using bio-recognition
tools such as enzymes and antibodies. Then, the transducers (electrodes, fluorophore, etc) convert it to the appropriate format, for instance electrical and optical
signals. After that, data acquisition system amplifies and digitizes the signal and
transfers the data to the recording instruments for further processing. Moreover,
energy sources are necessary for powering the sensors and electronics.
In wearable and implantable applications, these devices need to be flexible,
light weight and biocompatible, and their performance should be similar to their
rigid counterparts. In this dissertation we address these requirement for wearable
and implantable devices. We showed integrated sensors, electronics, and energy
sources on flexible polymers, paper, and thread. These devices provide many advantages for monitoring of the physiological condition of a patient and treatment
accordingly. Real-time capability of the platform was enabled using wireless telemetry.
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One of the major innovations of this dissertation is the use of thread as
a substrate for making medical diagnostic devices. While conventional substrates
(glass, silicon, polyimide, PDMS etc) hold great promise for making wearable and
implantable devices, their overall structure and form has remained essentially twodimensional, limiting their function to tissue surfaces such as skin. However, the
ability to integrate functional components such as sensors, actuators, and electronics
in a way that they penetrate multiple layers of tissues in a 3D topology would be a
significant surgical advance. We have devised an integrated thread-based diagnostic
(TDD) system with the ability to measure physical (strain and temperature) and
chemical (pH and glucose) markers in the body in vivo. Such device was made from
threads, which have been widely used in the apparel industry and is readily available
as a low-cost biocompatible material.
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Chapter 1

Motivation and Significance
1.1

Introduction

Over the past decades, design and development of portable devices for monitoring of
biomarkers especially for at risk patients is receiving considerable attention. These
devices are either single use diagnostic platforms, wearable on body or on fabric,
or they are implanted close to the tissue and organ that it monitors and cures.
Sensors, energy sources, and data acquisition devices are the main components of a
such monitoring platform. Sensors collect the information using bio-recognition tools
such as enzymes and antibodies. Then, the transducers (electrodes, fluorophore, etc)
convert it to the appropriate format, for instance electrical and optical signals. After
that, data acquisition system amplifies and digitizes the signal and transfers the data
to the recording instruments for further processing. Moreover, energy sources are
necessary for powering the sensors and electronics.
In wearable and implantable applications, these devices need to be flexible,
light weight and biocompatible, and their performance should be similar to their
rigid counterparts. One example of a wearable platform where some of the key components have been implemented using flexible materials is epidermal electronics. In
this platform components, interconnects and sensors including electrocardiogram
electrodes, pH sensors, flexible batteries, resistors, capacitors, and transistors are
implemented on flexible substrates such as polymide and parylene substrates and
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mounted on skin. In the biomedical area, flexible recording and stimulating electrodes have been demonstrated that provide a less physically damaging interface to
the nervous system. Moreover the use of stretchable electrodes and interconnects
allow a more dynamic interface to the tissue [26, 27, 28, 29, 30].
Even though most of these commercial components use rigid substrates, those
devices that need to be integrated with the body require flexibility and stretchability.
Implantable, wearable, and low-cost diagnostics especially demand a high range of
flexibility. Moreover, various components have different requirement for flexibility
based on the tissue or organ it interacts with and the application. For example,
sensors which are in direct contact with sensing zones on the the body should have
similar flexility to the attached areas, but read-out electronics can be assembled
where less flexibility is allowed. Addressing challenges of these kinds fall under the
emerging area of flexible bioelectronics or Bioflex for short. An exact definition
of Bioflex is not possible, but we can broadly define it as electronic devices and
components that are flexible to provide normal physical operation either on the
body or inside the body at its location of intended use. Elements of any bioflex
devices should address realization of transistors, sensors and actuators, methods
and cost of their fabrication, and the issues of flexible energy source to power them.
Discovery of semiconductor materials including carbon nanomaterials and
conductive polymers provide opportunity for making flexible transistors for biomedical applications. Their applications in large displays have provided some unique
performance which is not attainable with rigid technology including conformability,
compactness, foldability etc. [31, 32, 33, 34]. There have been some recent efforts
that leveraged large scale integration of ultra-thin inorganic semiconductors with
flexible and biodegradable substrates to fabricate several multi-functional systems
for biological applications [35, 36].
Existing bioflex devices require expensive micro and nanoafabrication facilities to make them. The cost of micro/nanofabrication is one of the constraint that
limit the use of the regular flexible medical devices especially in resource-poor settings. To address this issue one needs to explore low-cost fabrication process and ma2

terials. Conventional fabrics and papers have re-emerged as promising substrates for
low-cost diagnostic devices due to their universal availability, environmental friendliness, low cost and ease of fabrication. Examples of wearable devices where some of
the key components have been implemented using these materials are electrocardiogram electrodes, pH sensors, and flexible batteries [37, 38, 39, 40, 41, 42, 7]. Paper
has also been exploited for its natural capillary action in lateral flow immunoassays
[43, 44], for its ease of surface functionalization to immobilize sensing moieties in
detection of DNA or proteins [45], for its ease to control its hydrophobicity to make
low-cost microfluidic platforms and also for inkjet printing of electrochemical and
optical sensors and electronics. In this dissertation, we aim to realize bioflex devices
using low cost materials and low cost processing for variety of applications from
medical diagnostics, wearable electrodes to implantable applications.
Even though flexible and low-cost components could be designed and fabricated individually, one still needs to integrate them, power them up and connect
them to instrumentation. Growth of CMOS technology has facilitated miniaturization of low power read-out electronics. In this dissertation, I will showcase some
integration approaches using off the shelf components suitable for bioflex applications. Additionally, to address the issue of power, energy harvesting from the
environment has the potential to provide sustainable solution for a long-term operation of read-out electronics. Recently many approaches for the energy harvesting
have been proposed, ranging from muscle motion [46], vibration (e.g. heart beat,
breathing) [47, 48], microbial fuel cell [49] and glucose in biological fluids [50]. In this
dissertation, I will showcase one application of a bioflex device for energy harvesting
from biological fluids.

1.2

History of flexible bioelectronics

The history of flexible sensors and electronics goes back over 40 years. In 1960, the
first flexible solar cell was fabricated using a thinned ∼ 100 µm crystalline silicon
which was transferred to a plastic sheet.With the introduction of soft lithography in
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the 1990s, the field of flexible electronics entered a phase of rapid growth. Polymeric
substrates such as PDMS, polyimide, and parylene became widely utilized to make
a variety of sensors, actuators, active electronics, and microfluidic components and
systems [17-21]. Flexible electronics and sensors for biomedical applications date
back to a decade ago. Polymer-based pressure sensors for robotic and mechanical
communication, introduced in ∼ 2005 as an electronic skin and organic field effect
transistor, were used as read-out transistors. From an application point of view,
flexible bioelectronics can be divided in three categories: implantable flexible sensors, wearable electronics and sensors, and low-cost diagnostic devices. See Figure
1-1 for the depiction of the landscape of applications.

Figure 1.1: Nano-enabled flexible electronics landscape

1.3

Flexible implantable sensors and electronics

In recent years implantable devices have undergone significant progress owing to
an advance in semiconductor and MEMS technology, and many devices has been
developed such as drug-eluting stents [51], artificial organs [52, 53], biosensors [54,
4

55], catheters [56], etc.
Implantable devices are attached to internal soft tissues and are usually employed for a long-term monitoring and therapy. Therefore, flexibility, biocompatibility, and stability of devices for a long-term use are the crucial parameters in design
and development of implantable devices.
The word “biocompatibility”, appeared in 1970 by RJ Hegyeli for the first
time, is defined as appropriate performance of the materials in implant situation.
Different definition of biocompatibility have been proposed in the past years [57].
One definition is “the ability of a material to perform with an appropriate host
response in a specific situation”. Another definition is “the ability of a material
to locally trigger and guide non-fibrotic wound healing, reconstruction and tissue
integration”. However, a new concept defined for a wide range of implant materials
is “Biotolerability” which is the ability of a material to reside in the body for long
periods of time with only low degrees of inflammatory reaction [57].
Flexibility for implantable devices could be defined as the appropriate performance of devices during bending of the tissue where the device is located. Therefore,
requirement on the extent of flexility is strongly dependent on the applications and
where devices are implanted.
Design and development of the devices with aforementioned properties provide a solution to overcome a mismatch between current rigid planar devices and the
curvelinear nature of the tissues by keeping the required performance and biocompatibility. Previously, different approaches have been used for fabrication of flexible
and biocompatible implantable devices. Devices including sensors and electronics
could be either directly fabricated or transferred on flexible and biocompatible substrates such as polyimide, and parylene [58].
For the direct fabrication process, a rigid substrate such as a silicon or glass
wafer covered by flexible materials to facilitate the handling and fabrication process
(see second chapter for more information). After attachment of the flexible substrate on a rigid wafer, a standard top-down fabrication techniques including photolithography and deposition are employed. To do this, photolithography is used to
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physically mask the flexible substrate and then an additive process (liftoff) is used
to transfer the pattern along with deposition of the desired materials chemically or
physically. For patterning, subtractive process (etching) also could be utilized after
deposition of the materials.
The transfer printing is the assembly of micro- and nanomaterials onto any
substrate especially flexible substrates utilizing of a donor substrate. There are three
transfer printing methods: additive transfer, subtractive transfer, and deterministic
assembly. In these methods, a molded stamp created physically or chemically is used
to control the mass transfer between two different substrates. In additive method
the ink containing nanomaterial is deposited on the surface of the molded stamp
and then transferred to the receiving substrates. However, in subtractive transfer
method, ink or metals are deposited onto the receiving substrate and mold is utilized
to retrieve the regions of a blanket film (See Figure 1.2).
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Figure 1.2: Transfer printing approach [1]. (a) Additive transfer. (b) Subtractive
transfer. (c) Deterministic assembly.
By the introduction of the biodegradable materials, the materials that degrade in the biological environment of body, they also have shown to be promising
substrates that result in minimal invasiveness and causes negligible if no inflammation. Here, we provide an example of neuronal implants for stimulation and
recording.

Neuronal implants for stimulation and recording
For recording and stimulating of a brain and neuronal activity, three approaches have
been used: intracellular methods using sharp electrodes, extracellular methods, and
optical methods [59]. In intercellular and extracellular methods a microelectrode
array is required to map the entire surface of the tissue. Previously, rigid penetrating
electrodes array such as Utah array were utilized for the high resolution interface
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[60], but their life time was limited, and the risk of inflammation was high. Moreover,
they could damage the tissue because of their rigid structure, and the number of
the electrodes were limited because one wire is required for the connection of each
electrode to an external read-out system.
Recently a solution was proposed by design and fabricating of an ultra thin
microelectrode array on a flexible substrate such as polyimide [2]. A microelectrode
array was fabricated on a very thin layer of polyimide using the top down fabrication
method. Then, wafer carrier (silicon with PMMA) was unattached, and device
transferred onto a silk fibroin film as a supporting layer. Silk fibroin was dissolved
with flush of saline and left for the conformal contact (Figure 1.3a). This system
demonstrated on brain of a cat and the conformal contact is approved with real-time
mapping of physiological signals with spatial distribution (Figure 1.3b, c).
For the next version of this platform, the microelectrode array were integrated with a multiplexer and amplifier to reduce the noise, and number of output
contacts [3]. Unit cell of the system including one signal buffer transistor and one
multiplex transistor with the electrode is shown in Figure 1.2(c). In this platform,
transistors and active electrodes are fabricated on a silicon nanomembrane in a
multi-layer process and transfer printed onto the polyimide substrate.
Even though, the integration of micro electrode array with multiplexers and
buffer transistors reduce the number of output contacts, connection of the output
pads to the external data acquisition tools is required. The wiring even with flexible
cable limits the operation of the system for a short time. Moreover, the real-time
data acquisition which is mandatory for at-risk patients would be very challenging
and not practical with a wiring platform.
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Figure 1.3: (a) Schematic demonstrating bio-integrated electronics in an ultrathin
mesh geometry with a dissolvable silk support [2]. (b) Optical pictures shows the
conformal contact of the thin electrodes on a brain model, and measurement of
signals [2]. (c) Optical images of electrodes on a thin layer of polyimde and silk
as a dissolvable supporting layer [2]. (d) Integrated a microelectrode array with
electronics, and schematics of the unit cell [3].
9

Wireless communication has been introduced for some limited applications to
solve the wiring issue. It was used for the recording of extracellular recoding activity
[4], so that it took up to 64 voltage signals from implanted electrodes, sampled each
at 20 kHz, time-division multiplexed them into one signal and transmitted that
output by radio frequency to a receiver up to 60 m away. The platform has two
parts that are connected by a short cable (Figure 1.4). The first part contain the
amplifiers and second part contain battery and radio frequency transmitter. Wireless
communication also has been used for continues monitoring of glucose in blood [5].
The microsystem consists of a microfabricated glucose biosensor flip-chip bonded to
a transponder chip. In another example, a prototype integrated circuit developed
for wireless neural recording from a 100-channel microelectrode array. The design of
both the system-level architecture and the individual circuits were driven by severe
power constraints for small implantable devices; chronically heating tissue by only
a few degrees Celsius leads to cell death.
Another methodology that works based on wireless communication on a short
distance is radio frequency identification (RFID) technology. It has been strongly
utilized for remote power transfer for various applications such as heating the microfabricated heater for the noninvasive drug delivery [61].
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Figure 1.4: Wireless communications for real-time monitoring of biomarkes. (a) A
wireless multi-channel neural amplifier for freely moving animals showing all components (bottom left) and the complete system worn by a rat (bottom right) [4]. (b)
Wireless microsystem for continuous blood glucose monitoring [5]. (c) A low-power
integrated circuit for a wireless 100-electrode neural recording system [6].

1.4

Wearable sensors and electronics

Wearable system is defined as a new class of the health monitoring and therapy
platform that placed directly on the surface of the body or can be embedded in
the user clothing or accessory. This system enables collection of the physiological information over a long-term without patient inconvenience. This ambulatory
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technology allows real-time monitoring of the key markers in patients with chronic
conditions without the need to go to hospital. Miniaturization, light weight, and
conformability of the components are the key requirements of a wearable system.
This system contains different electronic and sensing components integrated into a
single flexible platform such as bandage, wristband, etc.
Here, I will briefly provide a select set of examples of wearable devices implemented in the literature. In the past years many wearable devices were introduced
for monitoring of the heart rate [62], the blood pressure, ECG, EEG, EKG, EMG and
physical activity [63]. For example, motion activity of the patient can be detected
using wearable strain sensor. Hata et al [7] developed a wearable strain sensor fabricated form aligned thin films of carbon nanotubes on poly(dimethylsiloxane)(PDMS)
as an elastic substrate. Carbon nanotubes are aligned perpendicular to the strain
axis (See Figure 1.6ai). After initial stretching the island and gap of CNTs bundles
make a mesh structure (Figure 1.6aii). the gap between the island increase with
further stretch. It can measure the strain up to 280% and can be used to assimilate
various dynamic motion of the human. It has been evaluted on human knee and a
glove (Figure 1.6aii-aiv).
To enhance the adaptability on a rough skin surface, the same group developed a dry adhesive patch for in vitro diagnostics. They presented a simple method
for fabricating an enhanced dry adhesive skin patch by utilizing modulus-tunable
composite micropillars made of stiff and soft PDMS materials (Figure 1.6b). The
method consists of direct replica molding of rigid bottom micropillars (curing agent
15 wt%) and selective inking of soft tip layer (curing agent 5 wt%). Such monolithically integrated composite micropillars show a larger normal adhesion force up to
1.8 N cm2 (maximum: 2 N cm2 ) on the human skin as well as high durability (30
cycles) without notable degradations. Using the composite micropillars electrocardiograms (ECGs) were successfully recorded in real time for the time period of 48
h with minimal side effects.
Another important application of the wearable devices is the electronic artificial skin (e-skin). Development of an artificial skin capable to detect the external
12

environmental stimulus is a great interest for the humanoid robotics and prosthetics
[9, 11, 10]. E-skin should be implemented on a highly flexible and soft substrate to
mimic the human skin. Currently, there has been a lot of research focusing on the
development of e-skin including physical sensors, such as pressure, and temperature
sensors. The proposed e-skin generally contain two components, an active layer
containing organic transistors, switches, etc over the flexible substrate. The second
layer, containing physical sensors such as pressure and temperature collect the environmental information. Information of the second layer is read by the first layer as
an active layer. Someya and coworkers proposed net shape e-skin including flexible
pressure and thermal sensors implemented on a polyamide substrate in contact with
organic transistors [9]. The platform is conformable to three-dimensional surfaces
and enable the e-skin to extend by 25%.
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Figure 1.5: Examples of wearable devices for monitoring physical and physiological information. (a) Stretchable human-motion detector using CNT based strain
sensor [7] (i) photograph of a stretched SWCNT film strain sensor, (ii) scanning
electron microscopy image and three-dimensional view (inset) of the regularly fractured SWCNT structure, and (iii,iv) strain-gauge sensors and signal patterns of
attachment on knee and a glove. (b) Enhanced skin adhesive patch with composite micropillars with (i) a schematic illustration and SEM image of heterogeneous
micropillars, (ii) plot of the enhancement of adhesion, and (iii) ECG signal measurement with an electrode attached on the skin [8].
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Figure 1.6: Various e-skin sensors and devices. (a) E-skin including networks of
pressure and thermal sensors with organic transistor active [9] (i) a plastic film with
organic transistors and pressure-sensitive rubber matrixes (ii) temperature sensor
results by measuring transistor current (iii,iv) optical microscopic image of an organic transistor. (b) E-skin including flexible pressure sensors with microstructured
rubber dielectric layers [10] (i) Layout of pressure-sensing organic single-crystal transistors, consisting of thin rubrene single crystals and structured PDMS dielectric film
(ii) optical image of device. (c) Nanowire e-skin [11] (i) schematic of active layer of
nanowire and passive layer in an integrated platform (ii) optical image of the single
pixel of the active arrays and structure of the Ge/Si NW-FET (iii) A single pressure
sensor, output conductance versus pressure (iv) Fabricated e-skin under bending
and rolling.
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Javey and coworkers also demonstrated a laminated Si/Ge nanowire array
field effect transistor as an active matrix layer, on a polyamide substrate in series
with pressure sensors that play such as adjustable resistors [11]. This integrated system operates at low voltages (≤5V). On the other hand Bao and coworkers proposed
an array of capacitive pressure sensors integrated with gate dielectric of field effect
transistors [10]. They used the PDMS microstructures and it enables achievement
of the static load sensitivities as low as 3 Pa, and ultra fast millisecond response
times. It does not have flexibility and conformability of the last two approaches
because of integration of pressure sensors with non flexible silicon.

1.5

Low-cost diagnostics

In resource poor settings, there is a great need for low-cost medical diagnostics especially for screening of infectious diseases and managing serious outbreaks. Such
devices also need to be relatively easy to administer by untrained caregiver with
sufficient accuracy. However, implementing such medical devices might not be attainable with common flexible materials. The cost in development of medical diagnostics arise from two sides: the cost of the materials used in the fabrication of these
devices, and the cost to access the technology needed to fabricate these devices. In
general, if fabrication process requires clean room facility and ultra-high vacuum
environment, it cannot be qualified as low cost fabrication process.
Paper-based devices have been recently heralded new direction in low-cost
medical diagnostics. Paper is low-cost, light weight, flexible, biocompatible, environmentally friendly and provides no medical waste; it also has a power-free fluid
transport via capillary action, and high surface to valium ratio for analytical devices. Given to the unique properties of paper, paper-based devices have been used
for a wide range of application from chromatography to immunoassays for detection
of protein, DNA etc.
As an example, paper-based electrochemical sensor was demonstrated for
detection of the glucose from whole blood cell [64]. In this sensor, glucose oxidase
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in combination with horseradish peroxidase (HRP)used as enzyme. Device contain blood separation zones in two side and detection zones in the middle. After
separation of plasma from whole blood, glucose was detected using screen printed
electrodes modified with a mediator, Prussian Blue.
The paper-based analytical devices has also been employed for detection of
glucose and proteins in a colorimetric assay. To do this, enzymes are immobilized on
sensing zones and analyte solution flow according to lateral flow and capillary force.
Colorimetric analysis determines the concentrations. Paper-based devices have been
used as paper microzone plates similar to plastic well plates (Figure 1.7a, b), but
they are easily fabricated, transported and have columnized shapes.
Cellular analysis is another application area for paper-based devices. For
example, paper based point-of-care testing disc has been used for multiplex whole
cell bacteria analysis [46]. Immunochromatographic lateral flow biosensors were employed as a detection approach. Antibody conjugated gold nanoparticles was immobilized on paper and was utilized as signaling agents for detection of Pseudomonas
aeruginosa and Staphylococcus aureus (see Figure 1.7d). Another example, Liu et
al. developed an aptamer-AuNP strip biosensor for the detection of circulating cancer cells [65] (see Figure 1.7e). In this work aptamers were first picked from live cells
by the cell-SELEX (systematic evolution of ligands by exponential enrichment) process, and unique optical properties of gold nanoparticle promoted the quantitative
detection. They achieved limit of detection of 4000 Ramos cells without instrumentation (visual judgment) and 800 Ramos cells with a portable strip reader within
15 min.
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Figure 1.7: A) Image of a 96-zone plate after application of a range of volumes (155
µL) of solutions of aqueous dye [65]. (B) Image showing the 96-zone plate with
volumes of liquid up to 55 µL that were completely contained by the hydrophobic
barrier [66]. (C) Colorimetric protein detection [12]. (D) Optical bacteria detection,
Specificity testing using samples of (a) S. aureus, (b) P. aeruginosa, (c) S. aureus
+ P. aeruginosa [13]. (E) Optical cancer cell detection [14]. (F) Electrochemcial
paper-based sensor [15].

1.6

Impact of nanotechnology and nanomaterials on flexible electronics

Nanomaterials with their unique properties such as high surface to volume ratio,
electrical and chemical transport provide excellent material options for various functions in medical devices. These functions include medical diagnostics, drug delivery
systems, worn body sensors, displays, tissue engineering, microfluidics, and electronic system integration.
Moreover, natural flexibility and elasticity of nanomaterials make them ideal
choice for manufacturing flexible devices. Some nanomaterials such as metallic
single-walled carbon nanotubes (SWNTs) can be used as interconnects between
two rigid components and provide local flexility and elasticity. Figure 1.8 shows
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Figure 1.8: Concepts for stretchable electronic materials when stretchable conductive lines of a SWNT gel printed on a slab of rubber (left) and SEM of the networks
of SWNTs that provide electrical pathways in these composites [16].
the bending of PDMS as a substrate and carbon CNTs as a conductive dopant.
Furthermore, this behaviour of nanomaterials have been exploited for development
of strain sensor working in wide range of stretchability.
Nanomaterials are usually smaller than or comparable to a virus (20450 nm),
a protein (550 nm), or a gene (2-nm wide and 10100 nm long), and a bacteria (1
µm) or a pollen (100 µm). Since interactions between analytes and transducers take
place on the surface, using the nanoscale materials provides for better transduction.
Moreover, nanomaterial with their unique properties including special geometry
(fractal geometry), high surface to volume ratio provide outstanding electrical and
chemical transport properties that can increase the sensor sensitivity and reduce the
time response.

1.7

Targeted applications in this dissertation

While there are many possible applications one could target, we have focused on few
select applications as discussed below. All these applications have a strong demand
for flexible sensors and electronics.
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1.7.1

Wound healing application

Chronic wounds and burns impose significant financial burdens to US and other
countries. More than 6.5 million people in the US alone are affected by chronic
wounds and burns. A chronic wound does not heal in any timely or orderly fashion,
causing patients physical and emotional stress. Current methods in treating chronic
wounds are predominantly single-parameter, open loop methods (Figure 1.8). For
example, hyperbaric oxygen therapy for foot ulcers are expensive, cumbersome to
use, can result in systemic toxicity, and have shown marginal benefits. Current
methods in these treatments have shown minimal efficacy due to the complex, multistage progression of wound healing. An integrated platform that can bring together
multiple treatment modalities along with physical and chemical sensing capabilities
in wound microenvironment can greatly improve the clinical outcome. We envision
a smart-dressing that can closely integrate sensing, actuation, drug delivery with a
cutaneous wound will provide a unique solution to chronic wound therapy.
Flexibility is one of the key aspects for any wound dressing. Flexible dressing
can cover the wound without applying any stress. Design and fabrication of multiple
sensing factors such as pH, oxygen, temperature along with associated therapy on
a flexible substrate would revolutionize chronic wound management. Even though,
there are limited numbers of studies focused on developing physical sensors such
as moisture and pressure for the wound dressing, they are utilized in an open loop
nature, and also are not integrated on a single package.
In this dissertation, a flexible smart wound dressing (bandage) has been chosen as the key motivation behind the research on flexible bioelectronics. Moreover,
wireless communication has been used for real-time monitoring. The bandage can
be worn comfortably on the skin in virtually all areas of the body and serves as a
multi-parameter, remotely controllable, optimized treatment mechanism for chronic
wounds. A functional prototype of our smart wound dressing platform will set the
precedent for a greatly improved speed and efficacy of treatment of wounds.
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1.7.2

Endoscopy application

Endoscopy provides a powerful tool for the treatment and diagnosis of various diseases such as stomach ulcers [66], stomach cancer [67], and acid-reflux disease [68].
Recently, the development of a pill-sized capsule with an integrated camera, battery,
sensors and actuators has provided a painless wireless alternative to the traditional
tethered version. These capsules have the potential to image even the small intestine
[69]and measure temperature, pH [70], and other critical physiochemical parameters in the digestive system which conventional endoscopy tools may not be able
to perform. The endoscopy capsule is swallowed easily through the mouth into the
stomach and does not require any pushing force.
Most available electronic components and batteries are rigid, non-conformal,
and therefore not suitable for in vivo applications. Since devices in the digestive
system are often in motion, flexibility is one of the most important factors for
building these devices. Flexible soft endoscopy capsules are therefore ideal. In
this dissertation we pursue a flexible realization of one of the components of the
endoscopy capsule, namely its battery.
Endoscopy applications is another source of our motivation for implementing
of flexible sensors and devices.

1.7.3

Other applications

Low-cost point-of-care applications are other motivation of this dissertation. Lowcost substrates such as paper, fabrics, and threads served as flexible substrate for the
early screening. Different approaches has been employed to improve the performance
of the low-cost diagnostics such as introducing nanomaterials to the substrates,
combination of the nanomaterial with different analysis approach.

1.8

Organization of dissertation

This dissertation is organized in following manner: In first chapter, background of
flexible and elastic substrates is summarized. Then, different transduction methods
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on physical and chemical sensors is described.
After background on flexible materials and sensing methods, in chapter 4,5,
and 6 three main category of flexible devices are introduced. In chapter 4, flexible
sensors, devices, and therapy on polymer substrate are detailed. In this chapter
different components for monitoring and therapy of wound healing are introduced
and smart bandage was proposed as a solution. After that, a novel parylene based
energy harvesting for endoscopy is presented. In chapter 5, paper-based diagnostics
was demonstrated to address the cost issue for resource-poor settings. Two approaches are proposed for introducing nanowires and nanoparticles to paper-based
devices. These methods increase the performance of the paper-based devices without increasing their cost. At the end of this chapter, three layer printed circuit board
is illustrated for connection of readout electronics to paper-based sensors. A case
study of fully integrated paper-based device is introduced at the end of this chapter
for wound healing application. Overall structure and form of devices fabricated on
papers and polymer sheets has remained essentially two-dimensional limiting their
function to less complex tissues such as skin. In chapter 6, thread-based technology
with integrated sensors, electronics and microfluidics is presented for truly three
dimensional realization of diagnostic devices intimately integrated with tissues and
organs. In chapter 7 conclusion and future works is presented.
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Chapter 2

Background on flexible
substrates, and principle
approaches for physical and
chemical sensing
This chapter briefly provides background on flexible substrates, and transduction
methods used for chemical and physical sensing. The chapter is organized as follows:
Section 2.1 discusses the current flexible substrates used in flexible technology for implementing sensors and electronics. It is followed by review of detection approaches
in physical and chemical sensors focusing on electrochemical methods which are related to the ones employed. Then, in section 2.3 common nanomaterials and their
efficacy in improving the performance of physical and chemical sensors are reviewed.

2.1

Flexible substrates

Development of sensors and electronics on flexible substrates have exciting prospects.
For example, in wound healing it could be part of a flexible bandage that cover the
wound conformally without disturbing wound healing, or in stomach endoscopy,
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it could be used on a flexible catheter. In the past years, different flexible substrates have been presented including elastic materials such as Polydimethylsiloxane (PDMS) and Ecoflex, plastic substrates such as Polyethylene terephthalate
(PET), polyimide, parylene, and porous materials such as paper, Poly(glycerol
sebacate/poly(ε-caprolactone) (PGS/PCL), fabric, fibers, etc. Here, we summarized common substrates used for wearable and implantable applications particularly
wound dressing.

Figure 2.1: Common flexible substrates
As it was discussed in the first chapter, implantable and wearable devices
should be flexible and conformal to not induce tension and stress at installed location. In addition to flexility, these devices should be robust enough to be stable in
different temperature and humidity. Substrates are the key elements for development of such devices. In this section, common flexible and elastic substrates used
in medical devices are listed and summarized.

Polydimethylsiloxane (PDMS)
Polydimethylsiloxane (PDMS) is used widely for development of microfluidics, stretchable and flexible sensors [71, 72, 16]. It is transparent, non toxic, inert, elastomer
with adjustable stiffness from very soft to much stiffer. Its young module is around
750 kPa. The surface of PDMS is hydrophobic due to O-Si(CH3 )2 groups on its
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structure. But, it will become hydrophilic after treating it with air plasma. PDMS
is prepared by mixing the base polymer (silicon) and crosslinker in appropriate ratio (usually 10-1). PDMS is either casted or spin coated on silanized wafer, and
thermally cross linked. Moreover, different PDMS devices are fabricated using techniques called soft lithography. In soft lithography, a topographical structure which
is defined on a master is replicated on a soft elastomer such as PDMS. It is a rapid,
simple, and inexpensive fabrication processes. The details can be found in [73, 74].

Parylene
Parylene-C is another promising substrate for flexible biomedical devices [75, 76]. It
is a highly-crystalline polymer made from poly-para-xylylene modified only by the
substitution of a chlorine atom for one of the aromatic hydrogens. Moreover it is
a low weight, transparent, flexible, FDA approved, and biocompatible material. It
can be extremely stable in different chemicals and temperatures making it an ideal
candidate for biocompatible substrate.
Parylene coatings are performed at ambient temperatures with specialized
vacuum deposition equipment. Parylene polymer deposition takes place at the
molecular level, where films essentially grow a molecule at a time. For deposition
of parylene over a silicon substrate a solid granular raw material (dimer) is heated
under under vacuum and vaporized into a dimeric gas. The gas is then pyrolized
to cleave the dimer to its monomeric form. In the room temperature deposition
chamber, the monomer gas deposits on all surfaces as a thin, transparent polymer
film.

Polyimide
Polyimide is another flexible substrate with high promising electrical and thermal
dielectric properties [2]. It has been used for fabrication of many sensors and devices
such as temperature sensor, strain gauge, heater and thin film transistors. It also
used as a substrate for fabrication of electrocardiograph electrode for implantable
devices. Advantageous of polyimide-based devices over parylene based devices are
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availability and easy fabrication of a polyimide substrate. Polyimide is available
commercially in a sheet form, and solutions based. Moreover, the photosensitive
mixture of polymide is also available and can be patterned easily with photolithography and stamping. In comparison, parylene is light-weight, transparent and more
suitable for biomedical and implantable applications.

Paper
Paper is a low-cost flexible substrate which can be utilized for development of the
flexible device especially in resource-limited settings. It is a porous substrate with
a fibreous network that has many advantages over other materials including powerfree fluid transport via capillary action, a high surface area to volume ratio, that
improves detection limits for colorimetric methods. It is also able to store active
reagent inside its porous structure for optical and electrochemical sensors.
This unique advantages were used for the fabrication of many devices ranging
from low-cost flexible sensors to a controlled drug delivery platform, and microfluidic networks. Paper has also re-emerged as a promising substrate for implantable
devices and wearable electronics because of its universal availability at low-cost, environmental friendliness, and ease of fabrication [25, 77, 78]. Several paper-based
platforms have been recently developed for lateral flow immunoassays [43, 44], the
detection of DNA or proteins [45], and electrochemical biosensing [15]. Fabrication
techniques of the paper-based devices are detailed in chapter four.

Other materials
In addition to aforementioned substrates, recently various synthetic and natural materials are introduced as substrates for the development of flexible devices. Biodegradable materials have attracted significant attention for design and fabrication of
noninvasive implantable devices. For example, biodegradable polymers such as
poly(lactic-co-glycolic) acid (PLGA)[79] have also been utilized for fabricating degradable electronics, which are known as physically transient electronics. In another
example, natural compounds such as potato starch, gelatin, or caramelized glucose
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Figure 2.2: Various flexible substrates that has been used for biomedical applications. (a) Stretchable electronics on PDMS [17]. (b) Parylene-based microelectrode
arrays for high resolution recordings [18]. (c) A Litmus-Type Colorimetric sensor
based on inkjet-printed polydiacetylenes on paper [19]. (d) A fan-shaped heater
mesh on polyimide integrated with hydrogel [20].
were used as the substrate for designing biodegradable organic field-effect transistors
[80].
While these substrates employed for making wearable and implantable devices could be made flexible and stretchable (and in some cases even bioresorbable),
their overall structure and form has remained essentially two-dimensional limiting
their function to less complex tissues such as skin.The ability to integrate functional
components such as sensors, actuators, and electronics into tissues, such that they
not only conform to one surface but span multiple layers in three dimensions,in
arbitrary three dimensional geometry would be a significant surgical advance. For
example, wound fractures and orthopedic implants would greatly benefit from the
implantation of physical (e.g. strain) and chemical (e.g. pH) sensors that can monitor the wound environment and provide useful information for conducting optimized
treatments. It is for these reasons we have proposed thread as a substrate. More
background information on thread based substrates is provided in chapter 6.
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2.2

Physical sensors

Strain and temperature are two critical physical parameters used in different wearable and implantable devices for medical diagnostics and prosthesis. For example,
strain can provide an important indicator of tissue healing in wounds, and temperature sensor can monitor localized heating from electronic implant.

2.2.1

Transduction methods

Piezoelectricity
Piezoelectricity is the generation of the electric charges in response to applied mechanical stress. When the piezo materials squeezed, the charge get out of balance
and dipole moments induce voltage across the materials. This effect could be expressed with following equation.

Di = eij Sj + ε0 εSik Ek

(2.1)

where D, e, S, ε are electrical displacement, strain piezoelectric coefficient, mechanical strain, material permittivity, and electric field, respectively. The constant ε0
=8.85 10−12 F/m is the permittivity of the free space. The subscripts i, j, k denote
the direction to which physical properties are related.
The total charges measured per unit area is the sum of normal strain in all
directions multiplied by different piezoelectric constants.
There are different natural and synthetic piezoelectric materials such as
quartz [81], sucrose [82], silk [83], zinc oxide [84], and polyvinylidene fluoride (PVDF)
[85]. In the piezoelectric strain sensors, two electrodes are designed and fabricated
on two sides of the material. It could be considered as a capacitor in parallel with
charge generator.
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Piezoresistivity
Piezoresistivity is the change in resistance because of the mechanical stress, and
it is the basis of many physical and chemical sensors particularly strain sensors.
Change of resistance could be derived by geometry change, band structure, contact
resistance, and interparticles separation. Change in geometry is usually dominant in
metals in which resistivity coefficient is constant. Equation 2.2 shows the resistivity
as a function of geometry. However, in some metals such as platinum and nickel the
resistance change is not affected by alone geometry factor.

R=

ρ
A

(2.2)

Metals strain gauges have low sensitivity and limited range of stretchability.
Structure of metal strain gauge is shown in Figure 2.2. The sensitivity of strain
sensors is called gauge factor and defined as :

GF =

4R
εR

(2.3)

where 4R is the resistance change, R is the resistance, and ε is the strain. GF in
foil metals strain gauge is ∼2.
Contact resistance which is the resistance between two conductors changes
based on an applied pressure given to change in the contact area. This mechanism is used in many flexible pressure sensors that need to work in a wide range of
temperatures. However, they suffer from drift and high hysteresis. Piezoresistive
polymer nanocomposites have been strongly employed for design and fabrication of
flexible strain sensors with a high sensitivity and a wide range of stretchability. In
these polymers, conductive nanomaterials such as nanowires (NWs) and nanoparticles (NPs) are dispersed into their matrix structure. These nanomaterials are
named nanofillers (NFs). In nanocomposites polymers, piezoresistivity stem from
the change in band structure of nanofillers due to applied strain that changes the
junction resistance of nanofillers. Junction resistance between nanofillers is divided
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in three categories including ohmic connection with no contact resistance, tunneling
current with certain cut-off distance, complete disconnection (Figure 2.4).

Figure 2.3: Common structure of the strain-gauge [21].
NFs are called in ohmic condition if the shortest distance (d) between the
centerlines of two neighboring nanofillers is smaller than or equal to the their diameter. The tunneling current between two noncontact NFs is defined when distance d
is larger than D and smaller than a cutoff distance (C); distance at which the resistance between two neighboring NFs is 30 times higher than the resistance of single
NF), such that the electrons can tunnel through the polymer matrix and can form
a quantum conductive junction. The tunneling resistance between two neighboring
NFs can be approximately estimated as follows

R=

h2 d √
V
( √4πd )
=
( mλ)e h 2mλ
2
AJ
Ae

(2.4)

where J is tunneling current density, V is the electrical potential difference, e is the
single electron charge, m is the mass of electron, h is Plancks constant, d is the
distance between NFs, λ is the height of the energy barrier (1 eV for PDMS), and
A is the cross-sectional area of the tunnel, which is assumed to be the same as the
cross-sectional area of single NF [86].

30

strain2.jpg

Figure 2.4: Different electrical interconnections between two adjacent NFs.
Capacitance
The capacitance change is another mechanism has been used for the measurement
of the strain and force. Planar capacitance is a function of the distance between the
electrode(d), surface area of the device (A) and the dielectric constant ().
Surface area and distance could be changed as a function of applied pressure
or strain [87]. Gauge factor in capacitive strain sensor is defined as

GF =

2.3

4C
εC

(2.5)

Chemical and biological sensors

Chemical and biological analytes such as oxygen, pH, glucose, dopamine are important indicators of different diseases, and their detection would serve many useful
needs for efficient health care. Regardless of detection techniques, analytes should
be captured at the surface of the transducers (electrodes, fluorophores, etc). Diffusion, electromigration and convection are three factors that affect the mass transfer
of analyte to the surface of the sensors. Electromigration is the movement of charged
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materials across the solution, given to applied electric field. Convection take place
by hydrodynamic fluidic flow, and diffusion occur under the concentration gradient.
Since the study of three factors is very complicated, the chemical sensing setup has
been designed to have negligible convection and electromigration. To do this, supporting electrolyte with a concentration much higher than analyte is added to ignore
the electromigration, and the convection effect is removed by having the minimum
vibration and stirring. However, diffusion is the main mechanism by which analytes
are captured at the surface of the transducers.
Four main approaches are used for the detection of chemical analytes: MEMS
(cantilever), optical, electrochemical, and electrical. Optical sensors such as surface
plasmon resonance, florescence, and chemiluminescence provide significant selectivity and sensitivity, but they need expensive and bulky optical excitation and detection tools, and are not easily integrateable with CMOS technology. Cantilever sensors are also useful when sensing species have considerable mass and size. Cantilever
sensors are appropriate for massive analytes and usually need expensive clean-room
facilities to make them. However, electrochemical sensors are low-cost, easy to integrate with current CMOS technology, and has the potential for a real-time detection.
Therefore, electrochemical sensors are the most suitable one for realization of conformal and frugal diagnostics. Here, we focus on the electrochemical approach for
detection of chemical and biological analytes. Before going into details of electrochemical techniques some basic concepts of the electrochemistry is explained in the
next section.

2.3.1

Electrochemical approach

In an electrochemical system, those processes and parameters that affect the transfer
of the charge across the interface between chemical phases are studied. For example,
electrode and electrolyte are two chemical phases, and the study of their interface
interaction provide enormous information about their composition and structure.
In general, two processes take place at the electrode, electrolyte interface: faradic
process and nonfaradic process. In faradic process, the charges transfer including
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oxidation or loosing electron, and reduction or accepting electron occur (equation
2.6).
Ox + e− ↔ Red

(2.6)

where Ox and Red are the oxidizing agent and Reducing agent respectively, and e
is the number of electron transferred between them. In nonfaradic process, these
reactions are thermodynamically or kinetically unfavorable, while adsorption and
desorption change the structure of the interface by changing the parameters such
as the electrical potential. Therefore, the faradic process is the desired process for
investigation of the ion transfer.
Electrochemical cells for analysis of the faradic process are classified as either
galvanic or electrolytic cell. In a galvanic cell the reaction takes place spontaneously
while in the electrolytic cell, the reaction happens by imposing of the electrical potential greater than the open-circuit voltage of the cell. Any galvanic and electrolytic
cells contain two or three electrodes and an electrolyte that separate them. If the
current flowing in electrochemical cell is very small, a two electrodes set up, otherwise a three electrodes set up is used. A reference electrode, for the stabilizing of
the cell potential, a working electrode, reaction take place at its interface, a counter
electrode, for the current measurement, serve as the electrodes.
In electrochemical sensors, different approaches are employed for analysis
of the faradic processes to collect the required information about the identity and
quantity of the chemical and biological species in the electrolyte. Here, we summarized the common electrochemical techniques that has been used for the detection
of the different chemical and biological species.

Potentiometry
Potentiometric sensors or ion sensors relies on ion transfer between two phases, an
analyte solution and a ionic exchange membrane. A nonuniform distribution of the
electric field is created as a result of interaction between the analyte solution with
charged ions and the exchange membrane. The changes in the potential difference
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Figure 2.5: Schematics of the potentiometric sensors
between the electrode surface and the bulk solution is caused by the changes in
the concentration of the bulk solution and accumulation of the charged ions even
when the DC current flow is zero or negligible. Nernst equation could be used for
determining concentrations.

0
−
Ecell = Ecell

RT
[Red]
ln
nF
[Ox]

(2.7)

As shown in Figure 2.5 potentiometric sensors usually composed of three
components: a sensing electrode, a reference electrode, and an ion-selective membrane. The sensing electrode and membrane could be merged as a single component
using nanomaterials and conductive polymers such as polyaniline, polypyrole. The
reference electrode sets the stable voltage for the solution.
The selectivity of potentiometric sensors derives from ion-selective membrane
around the transducer electrode. Cations-selective membranes are more popular
with respect to anion membrane because [88]:
1- Anions molecules are larger than cations, and therefore they need larger
receptors.
2- Anions have much different shape.
3- Anions are more strongly hydrated than cations in equal size.
4- A number of anions are present in a narrow pH window.
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A conventional ion-selective electrode is made up of internal electrode, usually Ag/AgCl, internal solution around the electrode and a membrane between
sample solution and internal solution. However, in manufacture of microfabricated
ion-selective electrode, membrane is deposited on electrode directly and internal
electrolyte could be replaced with a hydrogel soaked with NaCl, and stability can
be enhanced by addition of a metal complex. Ion sensitive field effect transistor (ISFET) are another type of potentiometric sensors, ISFET are MOSFETs in which
gate electrode is removed and oxide is exposed to sample solution which is stabilized
with a reference electrode. Oxide layer usually is covered by a hydrogel electrolyte
and a membrane respectively. pH sensors [89], trace level sensors [90], and DNA
hybridization [91] are examples of potentiometric pH sensors.
In general, potentiometric sensors have a large dynamic range because of
logarithmic dependence of ion concentration. Moreover, they are fast and compact.

Amperometery
Amperometry method, relies on the generated current as a result of the electron
transfer (given to oxidation and reduction of the electroactive analyte) at the surface of the working electrodes. In the amperometry method, the voltage is applied
between the working electrode and the reference electrode and the current flowing
between the counter and working electrode is measured. The counter and reference
electrodes are merged as one electrode in a two-electrode configuration. Ampreometry approaches are classified in various techniques according to the applied signal
and the analysis approaches: Chronoamperometry, cyclic voltammetry, and pulse
voltammetry.
In the cyclic voltammetry, a potential in the form of the triangle wave is
applied (See Figure 2.6a). During the time that potential is scanned negatively
(a-d), the reduction occur. The resulting current and corresponding potential are
called cathodic current (ipc) and cathodic peak potential (Epc) respectively.
The peak current happened when there is the maximum rate of the electron
transfer and most of the analytes are reduced at the surface of the electrode. Similar
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Figure 2.6: (a) Schematics of the cyclic voltammetry input [22]. (b) Schematics of
the cyclic voltammetry output [22].
story happens in the positive scanning for the oxidation. Here, the maximum current
and its corresponding voltage are called anodic peak current (ipa), and anodic peak
voltage (Epa).
The peak current (faradaic current) can be expressed by
3

1

ipeak = 2.59 × 105 × n 2 A × (D × V ) 2 × C

(2.8)

where n is number of electrons gained in the reduction, A is the surface area of the
electrode, V is the constant rate of variation, D is the diffusion coefficient, and C is
the concentration of the analyte.
The pulse voltammetry is divided in three techniques: normal pulse voltammetry, differential pulse voltammetry (DPV), and square wave voltammetry (SWV).
In a normal pulse voltammetry, a series of voltage pulses is applied and the current
given by larger potential pulses is compered with the base line voltage (Figure 2.7a),
while in differential pulse voltammetry (DPV), a series of potential pulses with a
short width and increasing amplitude is applied and the current is measured immediately before a new pulse. Each current is subtracted from the previous step,
and the differential current is plotted with respect to applied voltage (Figure 2.7b).
Therefore, nonfaradic current effect is decreased.
In square wave voltammetry (SWV) method, the potential waveform as a

36

Figure 2.7: Schematics of the pulse voltammetry inputs [23]. (a) Normal pulse
volatameetry. (b) Differential pulse voltammetry (c) Square wave voltammetry.
superposition of a regular square wave onto an underlying staircase is applied. This
method is similar to the DPV, while equal time is spent at the potential of the
ramped baseline and potential of the superimposed pulse (Figure 2.7c).

2.3.1.1

Evaluation of the chemical sensors

To evaluate the sensors, the sensitivity, specificity and response time or settling time
are the most important parameters should be considered. Settling time is defined
as the time that take for a sensor to generate an output with acceptable signal to
noise ratio. Electrode materials and concentration of analyte are the key parameters
determining the settling time. Higher concentration gives the shorter settling time.
Sensitivity is defined as the minimum change in concentration that a sensor
can detect. Finally, selectivity is the comparison of responses to an specific analyte
in cross reaction with other analytes in a same environment, and it determined
by affinity of the sensor to a target molecule. Selectivity could be improved by
modification of the sensor surface using parameters such as enzymes and antibodies
and chemometric approach that has been proposed in this thesis.

2.4

Nanomaterials for sensing application

In this section, we will briefly introduce the nanomaterials that has been used for
fabrication of sensors and devices.
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Figure 2.8: Carbon nano tubes structure [24]

Carbon nanomaterials
Carbon nanotube is hollow cylinder shape which can be imagined as a rolled graphene
sheet. While graphene is a semiconductor with a zero band gap, CNT could be either semiconductor or metallic as a function of rolling graphene sheet form nanotube
cylinder. the tube geometry describes in a pair of integer indices (n, m) that indicate the nanotube types [24] [92]. Nanotubes are in general in forms of armchair
(n=m), zigzag nanotube is either of the armchair, zigzag (n=0 or m=0), or chiral
(any other n and m). All armchair SWNTs are metals; those with n m =3k, where
k is a nonzero integer, are semiconductors with a tiny band gap; and all others are
semiconductors with a band gap that inversely depends on the nanotube diameter
[24].
Structure of CNT cause unique electrical and mechanical properties. The
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electrical transport of the carbon nanoutube depends on electrons close to fermi
level (which can easily jump to unoccupied states ). Thus, understanding of CNT
band diagram is recommended in previous studies [93]. Single wall carbon nanotube (SWCNT) consists of single carbon layer while multi wall carbon nanotube
(MWCNT)composed of series of concentric carbon layers (rolled graphene sheets).
The electrical trasport of th MWCNT and SWCNT are similar because of the weak
coupling between single wall nanotubes [24]. Metallic CNTs have ballistic electronic
transport, No scattering, because of their one dimensional structure. High electrical
local conductivity of CNTs make them ideal as interconnected and electrodes in
electrochchemical sensors and nanoelectronics. For example they could promote the
electron transfer between active center of the enzyme and macroscopic electrode.
However, raw CNTS are closed cylinders and need to be opened for many applications including chemical sensors. Plasma etching and chemical reaction with strong
acid are some common methods for opening of the closed loop. Essentially their catalytic effect increase with this tube-end oxygen functionalities for electrochemical
oxidation of an analyte.
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Chapter 3

Integrated sensors and
electronics on polymer
substrates
In this chapter, we provide an overview of of sensors, electronics, and energy sources
on polymer substrates for wearable and implantable devices. First, we address the
problems and challenges in monitoring and treatment of the chronic wounds. A
smart flexible wound dressing is proposed as a unique solution to enable a real-time
monitoring and therapy, and avoid hospitalization.
In the second part of the chapter, a flexible device is proposed for harvesting
energy from biological and acidic environment. It would be an elegant solution for
powering implantable devices such as endoscopy capsule.

3.1

Smart bandage for monitoring and treatment of the
wound microenvironment

As we discussed in the first chapter a chronic wound does not heal in any timely
or orderly fashion, causing patients physical and emotional stress. The ongoing
nature of a chronic wound places a heavy financial burden on the patient and on
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the health care system as a whole. In the past years, many efforts has been done for
creating wound dressing. They focus on making a wound dressing which is oxygen
permeable, biocompatible, and capable to remove the excess exudates. Moreover,
growth factors were added for the stimulation during wound healing process.
However, current methods in treating chronic wounds are predominantly
single-parameter, and open loop. These treatments have shown minimal efficacy
due to the complex, multi-stage progression of wound healing [94]. Chemical and
physical sensors monitoring the wound microenvironment can provide the feedback
for the multiple treatment modalities in the wound microenvironment. According
to the sensing results, different antibacterial and growth factors could be released.
Toward this goal,we have presented several version of the smart wound dressing. In the first version detailed in the next section, we integrated an oxygen sensor
implemented on parylene with wireless readout electronics on a flexible 3D-printed
package. In the second version, localized drug delivery utilizing thermo-responsive
microcarriers integrated with a flexible heater is proposed. The stimulation of the
heater is done using the wireless electronic driver, more details are presented in the
second section.
In the third version the closed loop treatment is presented. pH, and temperature as the key indicators of the wound infection are acquired using flexible sensors,
and drug is released accordingly. The electronic readout system provides a complete
signal path for wireless data acquisition from the sensor, to a remote device. It also
control the treatment remotely. Section 3.3 expand the details.
A closed loop platform that can sense the wound and deliver treatment would
have a huge impact especially in treatment of chronic wounds. The vision of our
smart bandage platform is shown in Figure 3.1. Our contribution on this platform is
highlighted. We worked on design and fabrication of electrochemical sensors, readout
electronics and control of drug delivery. The bandage is expected to monitor wound
and healing biomarkers in real-time and transmit these information via Bluetooth or
XBee to a mobile device which uploads the data to the cloud. Health care providers
can remotely monitor healing and modify treatment if necessary. The treatment is
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healing vision.jpg

Figure 3.1: Concept of the flexible wound dressing including chemical and physical
sensors, readout electronics, drug and oxygen delivery.
in the form of localized drug delivery that is electronically controlled to adjust time
and dosage. This closed loop paradigm is expected to be revolutionary.
Although, different types of sensors and devices have been independently
developed, a conformal integrated system has not been yet realized. Therefore, the
development of a wearable integrated system with sensors and read-out electronics
is a major goal in continuous monitoring of a chronic wound [95].

3.1.1

Physical and chemical flexible sensors for wound monitoring

Oxygen is one of the critical factors regulating the wound healing process [96, 97]
and production of the biological energy. However, acute hypoxia can cause tissue
loss in a chronic wound and negatively impact the wound healing process [98]. Thus
monitoring of oxygen concentration in real time is a crucial component of any effective wound healing platform. Normal subcutaneous tissue oxygen tension is 30-50
mmHg. Low oxygen tension for chronic wound is typically a partial pressure of
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oxygen (pO2) of 5-20 mmHg (0.6-2.6%).
Moreover, wound healing process is a complex mechanism including degradation of dead tissues along with regeneration and re-assembly of the connective
tissues. Many biochemical reactions should take place to complete the process. pH
of the wound microenvironment play as a one of the important influential factors
affecting those reactions. The pH of the normal skin varies between 4-6 depending on anatomical location of the wound and age of the patient. Moreover, the pH
lower than 6 inhibit the growth of the most of human-pathogenic bacteria. However,
some of the healing process such as the take-rate of skin-grafts require an alkaline
condition.
Evaluating the wound healing progress based on real-time data acquisition of
several critical parameters such as oxygen will enable the physician to quickly and
easily create a treatment regimen tailored to the individual patient, thus providing
a real-time closed-loop, optimized, and personalized therapy.

3.2

First version- smart bandage for monitoring wound
oxygenation

In the past, different types of oxygen sensors have been implemented using optical
and electrochemical approaches [99, 100]. However, optical sensors need expensive
and bulky excitation-detection tools that could not be easily integrated in a compact
bandage-like platform using standard CMOS fabrication process. Electrochemical
oxygen sensors such as Clark electrode are preferred over optical sensors since it can
be minitaturized in a compact device.
Flexibility is one of the key requirements for any smart dressing platform so
that the dressing can fit the unique contours of the wound area [101, 102]. Parylene
provides a feasible flexible, lightweight, FDA approved material that is also impermeable to oxygen, making it a promising substrate for oxygen or any other sensors
[103, 104, 105].
Typical amperometric electrochemical oxygen sensors provide output in the
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form of electrical current [106] and therefore a current-input read-out circuitry is
needed. Wiring and connection of sensors to bulky instruments can make them
impractical for continuous wound monitoring. Another goal therefore is to integrate
the read-out electronics, which can also support wireless communication of the sensor data and to make the device small and lightweight for continuous monitoring.
Integrated systems have been proposed in the past for many biomedical applications
such as wireless monitoring of the neural activity [107, 108], however it has not been
used for the monitoring of the wound environment.
Here, we have designed and fabricated a flexible and wireless bandage using a
custom oxygen sensor and a compact assembly of off-the-shelf electronic components
in a miniaturized system for monitoring wound environment in real time. Towards
this goal, we have thus far fabricated a flexible oxygen sensor on parylene with
sufficient sensitivity and linear output. We have also created an integrated electrical
system with data read-out and wireless telemetry in a single package. Lastly, we
have printed a bandage (containing cavities for mounting the oxygen monitoring
components) with impressive tensile strength and flexibility. The bandage can be
worn comfortably on the skin in virtually all areas of the body and currently serves
as the first step in creating a multi-parameter, remotely controllable, optimized
treatment mechanism for chronic wounds. A functional prototype of our smart
wound dressing platform will set the precedent for a greatly improved speed and
efficacy of treatment of wounds.

Design of the smart bandage
The flexible bandage for mounting sensors and electronics is fabricated using a 3D
printer. The three dimensional rendering model is shown in Figure 3.2 TangoPlus
was the material used for fabrication of the bandage due to its exceptional elastomeric properties. Hydrogel was used as an epidermal layer through which oxygen
can easily diffuse and reach the oxygen sensor. The sensor is fabricated on a flexible
parylene substrate and mounted in a cavity on the bottom side of the bandage.
Output from the oxygen sensor is connected to the read-out electronics for ampli44

Figure 3.2: Three dimensional model of smart bandage.
fication, at which point the signal is read by the microcontroller and sent to the
wireless module. Data is wirelessly transmitted and saved to a computer. All of
the components are mounted on parallel printed circuit boards and packaged in a
compact, conformal arrangement. Oxygen sensor fabrication, read-out electronics,
wireless modules, and integration will be detailed in the following sections.

3.2.1

Oxygen sensor

The oxygen sensor is an electrochemical galvanic cell implemented on parylene-C.
Structure of galvanic oxygen sensor is shown in Figure 3.3 Silver and electroplated
zinc electrodes serve as the cathode and anode respectively. In addition, 0.1 M
potassium hydroxide gel saturated on filter paper is used as the electrolyte and a thin
layer of PDMS serves as the oxygen-selective membrane. The galvanic cell generates
∼0.8 V which is enough for reduction of oxygen. This galvanic cell produces current
proportional to the reduced oxygen at the cathode while zinc is oxidized at the
anode. Reaction 1 to 4 show the half reactions and the overall reaction in anode
and cathode.
Anode : 2Zn ←→ 2Zn2+ + 4e−

(3.1)

Cathode : O2 + 4e− + 2H2 O −→ 4OH −

(3.2)

4OH − + 2Zn2+ −→ 2Zn(OH)2

(3.3)

Overall reaction : O2 + 2H2 O + 2Zn −→ 2Zn(OH)2

(3.4)
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The amount of consumed oxygen that diffuses through the membrane is very
small and negligible for small electrodes. Moreover, the platform is designed for
large chronic wounds and this level of consumed oxygen is not high, and will be
lower if one were to employ sporadic monitoring with small duty cycle of say 25%.
But this is definitely a valid concern for some medical and wearable applications if
large amperometric or galvanic sensors are employed.
The specificity of the sensor is achieved by the permeability of the membrane.
Moreover, the thickness of the membrane and electrolyte control the settling time
of the sensor. We have made a very thin layer of PDMS membrane to address this
issue. The entire oxygen sensor is flexible for use with the conformal wound dressing.

Figure 3.3: Structure of flexible galvanic oxygen sensor on parylene.

Fabrication process
The oxygen sensor fabrication process is detailed in Figure 3.4 First, a silicon wafer
was covered by 12 micrometers of parylene-C; this is achieved using PDS2010 parylene coater with 20 grams of dimer at a furnace temperature of 690 o C), chamber
temperature of 135 o C), and vaporizer at 175 o C). Tape was patterned by laser
engraving using a laser cutter (Versa, VLS2.40) (power 40%, speed 20%) and was
attached to the parylene substrate (1-3). Then silver ink was spin coated (5000 rpm
for 60s) on top (3-4). The ink was cured (15 minutes at 121 o C)) and left in the desiccator (30 minutes) to remove all the remaining residue. The tape was peeled off,
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leaving behind the silver electrodes (4-5). Zinc electroplating was performed using
constant current electrodeposition with a current density of 4 mA/cm2 on one of
the electrodes (5-6). During electroplating, the solution temperature was stabilized
at 40 o C. Soaked filter paper with sodium hydroxide gel was attached using a commercial double-sided tape (6-7). Finally, thin layer PDMS membrane was attached
on top of the sensor (7-8). Figure 3.5 shows an image of the oxygen sensor before
the addition of filter paper. To fabricate the free standing PDMS membrane a layer
of PDMS with thickness of 12 µm (2500 rpm, 60 s) was spin coated on silicon wafer
which was covered with SPR photoresist as a sacrificial layer, then it was bonded
using oxygen plasma to a PDMS ring which was prepared before; dissolving the
photoresist using acetone allowed the creation of a thin layer of free standing PDMS
membrane.

Figure 3.4: Fabrication process of flexible galvanic oxygen sensor on parylene.

Electronic readout system
The electronic readout system provides a complete signal path for data acquisition
from the sensor, followed by amplification and wireless telemetry to a remote device. The electronic system consists of an assembly of commercial parts utilized to
achieve the desired functionality. The schematic of read-out electronics is shown in
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Figure 3.5: Optical image of oxygen sensor before addition of electrolyte gel.
Figure 3.6a. Output from the chemical sensor is obtained and conditioned using an
analog front-end, the Texas Instruments LMP91000, in potentiostat configuration.
The LMP91000 takes input from the oxygen sensor and generates analog voltage
through transimpedance amplification. The analog voltage is read by a microntroller
with 1 Hz sampling frequency and sent to a wireless transmitter. Optical images
of the front-end amplifier board, and micro-controller board are shown in Figure
3.6b,c and d. Figure 3.6e shows an electrical test of the front-end amplifier at three
different internal gains. The gain resistor of the transimpedance amplifier is fully
programmable using the microcontroller, as well as the internal autozeroing of the
amplifier. Internal gain resistor values range from 2.75 kΩ to 350 kΩ. The current
input range was verified from 5-750 µA, which in combination with the variable
amplifier gains, allows for measurement of a wide range of oxygen concentrations.
Wireless telemetry to a computer or smart phone is a key aspect of our platform that will improve the long term usability of the platform as the user is not
restricted by external wiring. Readout from the front-end amplifier and wireless
data transmission were accomplished using two different microcontroller / wireless
radio pairings each of which were equally valid methods for use in the smart bandage.
The first pairing was an Arduino Lilypad microcontroller with XBee personal area
network (802.14.5 protocol at 2.4 GHz). The Arduino Lilypad is based on the ATmega168V microcontroller. Output of the transimpedance amplifier is sampled by
the Lilypad using the 10 bit analog to digital converter (ADC) on the ATmega168V
chip. That data is then relayed to the Xbee radio via the two pin serial ports. The
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Xbee modules contain trace antennas with output at 0 dBm and receiver sensitivity
at -92 dBm. XBee modules are rated for 30 m indoor / urban transmission and 90 m
line-of-sight. The serial data received by the XBee is automatically transmitted to a
receiver XBee node in hexadecimal ASCII format. The receiver XBee is mounted on
an Arduino Uno to which it relays the incoming serial data. The Uno, docked at a
computer, reformats and prints the data to a serial monitor on the computer where
it is captured and saved to the hard drive for interpretation by the physician. At
this point, the data can also be uploaded to a secure server for truly remote access
by the physician.
The second pairing was the Lighblue Bean Bluetooth microcontroller, an offthe-shelf component with an on-board ATmega328 and a Bluetooth Low Energy
(BLE) wireless radio. Output from the transimpedance amplifier is sampled by
the 10 bit ADC on the Atmega328. Interfacing the microcontroller with the BLE
radio chip is taken care of by the manufacturer. BLE communications is rated
for greater than 100 m transmission distances at half the power consumption of
standard Bluetooth radios (0.5 W for BLE where 1 W is the standard Bluetooth
reference power consumption). The data can be received on any OS X device that
is BLE capable, acting as the receiver node in the two node personal area network
(PAN).
Using commercial components, a complete signal path was implemented between the oxygen sensor and a remote computer for data storage. Results are shown
in Figure 3.8 and discussed later. To obtain these results a simulated oxygen wound
microenvironment was created. It was prepared with DI liquid water or phosphate
buffer solution (PBS) in a beaker, and the oxygen sensor was placed in the environment. The output of the sensor was led along conductive thread which was tied
to the transimpedance amplifier input of the analog front-end. Output from the
analog front-end was sampled by the Arduino and the data was sent to the wireless
transmitter. The receiver node was placed approximately 3 m across the lab where
the data was received and recorded to a computer drive. Data shown in Figure
3.5e and 3.8c were captured over a two node personal area network as previously
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Figure 3.6: (a) Schematic of read-out electronics. (b) Optical image of front-end
amplifier board. (c) Optical image of integrated package of Light blue bean and
front-end. (d) Integrated package of read-out electronics, Arduino microcontroller
and XBee wireless trnasmitter. (e) Output characterisic of front-end amplifier captured via Xbee wireless network.
described, confirming the reliability of the sensing, read-out, and wireless telemetry
systems.
Power consumption of the electronic system is one of the important metric in
development of smart bandage. The capacity of coin cell battery 2032 is 225 mAh,
and current draw in active transmission mode is ∼ 20 mA which will last > 11 hours
if constantly transmitting data. However, as mentioned, sporadic monitoring will
provide longer life time for battery. It could be imagines that monitoring of the
wound with duty cycle of 25%. The system would be enabled for two minutes and
shut down for eight minutes, which is more than the settling time of the oxygen
sensor. Moreover, this time is sufficient in order to have plenty of data points
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for detailed quantitative analysis. For sporadic monitoring, two steps need to be
utilized. First method which is part of the current board is putting system in sleep
mode using Bean.sleep() command at the end of active mode. Bean.sleep puts
the Arduino microcontroller in a sleep mode known as power-down,. According
to specification of the microcontroller of the Bean, it can sleep from 0 seconds to
4294967295 milliseconds. In second step, power supply of Lightblue Bean can be
connected to power supply of the front-end amplifier using either digital output pin
or digital switch assembled on prototype board located on the Bean.

Integration of read-out electronics using conformal packaging
The key issue with multicomponent systems such as the smart dressing shown here
is device integration into a single package. The flexible oxygen sensor, read-out electronics, and wireless modules were integrated on a 3D-printed flexible bandage using
TangoPlus shown in Figure 3.7 The TangoPlus material is an extremely strong yet
flexible elastomer. At 218% elongation at break and a tensile strength of 1.5 MPa,
TangoPlus proves to be a very promising material in wound dressing applications
[109].
The oxygen sensor was fabricated on a parylene-C substrate according to the
fabrication process detailed in section III. Then, it was mounted in a central opening
located inside the bandage such that it will be in contact with the agarose hydrogel
(see Figure 3.2). Agarose is a polysaccharide polymer consist of 3, 6-anhydro-Lgalactose and D-galactose. It has large pores so that oxygen can easily diffuse
through it. It has been uses for a wide range of applications as a medium from gel
chromatography to biosensors. This hydrogel used to mimic the real experiments.
A larger opening, concentric with the sensor hole, is situated on the top side of the
bandage for mounting of the read-out and wireless systems (see Figure 3.7). The
close proximity of the oxygen sensor and electronic system provides easy solution
for electrical interfacing between the two. Conductive threads (for LilyPad) or wire
(LightBlue Bean) could be utilized for such a connection through small holes in their
interface.
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Integration of the electronic systems was achieved in a very compact packaging for compatibility with our flexible, wearable platform. For the first configuration,
the XBee radio transmitter and the LilyPad Arduino have a very clean physical interface using the LilyPad XBee shield. The LilyPad board is a 50 mm (2 inch)
diameter circle with a thickness of just 0.8 mm (1/32 inch), making it appropriately
compact for our application. Both the XBee and the Arduino use this same LilyPad
board. The two boards were interfaced by placing them back to back such that the
surface mount features of each board face outward as seen in Figure 3.6d. A piece
of printer paper was cut and slid in between the two boards to prevent unwanted
shorts, while the necessary serial and power connections were established by tying
conductive thread between the pins. The second configuration the Lightblue Bean
comes off-the-shelf in a very compact packaging. The Bean is rectangular in shape
with chamfered edges and dimensions of 45.7 mm x 20.3 mm (1.8 x 0.8 inch). The
board is just 7.6 mm thick (0.3 inch). Both the microcontroller / wireless transmitter configurations were sufficiently small and compact such that they could be
embedded in cavities within the 3D-printed bandages (Connex 500 3D printer). Examples of the bandage with a configurations embedded can be found in Figure 3.7.

The LilyPad Arduino, the XBee shield, and the Lightblue Bean all have
operating voltages as low as 2.7 V, so a 3 V 2032 coin cell battery can be used to
power both configurations. As seen in Figure 3.6d, the XBee shield and the Arduino
were mounted back to back. When the XBee device is mounted on the shield along
with the coin cell holder, the total package height is just 19 mm (3/4 inch). The
Lightblue Bean thickness is just 7.62 mm (0.3 inch). Although we aim to integrate
our platform to a custom package by eliminating extraneous components on these
commercial boards, the two electronic systems configurations discussed in this paper
are both compact enough to deem them wearable. Figure 3.7b and Figure 3.7c show
the integration of the oxygen sensor and electrical system on a wearable bandage.
A chemical liquid environment with different oxygen concentrations was created to
test the wound dressing.
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Figure 3.7: (a) TangoPlus bandage without oxygen monitoring components. (b-d)
Integrated electronics and oxygen senosr on a flexible bandage using TangoPlus.

Testing
Testing was performed using a simulated wound testing setup which has the potential
to create conditions close to the real wound microenvironment. The skin and the
wet wound condition is created using an hydrogel and a fluidic setup consisting of
two chambers, a calibration chamber and a test chamber. Oxygen and other key
markers that need to be varied in a controlled manner could be delivered using
microfluidic set up to the test chamber. To control the oxygen concentration, a
gas bubbler is connected to calibration chamber which is connected to an oxygen
tank. An accurate commercial oxygen probe (DO1200, Sensorex, CA, USA) is kept
inside the calibration chamber for calibration purposes. The calibration chamber
is attached to the main chamber through a pipe. Hydrogel mimics the oxygen
permeable skin environment and simulates the wound site. Figure 3.8 shows the
experimental set up. To fabricate the hydrogel, the 2% agarose powder (SeaKem
LE agarose Catalog. No. 50004) was dissolved in phosphate buffer solution(PBS)
and heated up to melting point of the agarose gel (100-150 o C) in microwave and
cooled down on PDMS mold. After curing, it was peeled off and attached to the
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test chamber and oxygen sensor.

Figure 3.8: Experiment set up for simulation of wound environment.

Figure 3.9: Characterization of oxygen sensor in room temperature (20 o C ) (a)
Transient response for different concentrations. (b) Calibration graph. (c) Transient
response of the oxygen sensor for one hour. (d) Calibration graph using wireless set
up.
The results in Figure 3.9a and Figure 3.9b show the linear response with
sensitivity of 1.5 µA/% and response time of 20 s. Figure 3.9c shows the measured
result of the entire integrated system from the chemical environment to the remote
computer. The results are relatively linear as anticipated based on the oxygen sensor
characteristic curve shown in Figure 3.9a and b. We have performed the experiment
for one hour and drift was less than 5%. It is shown in Figure 3.9c.
Galvanic oxygen sensors work along the principle of generation of electrical
current in response to oxygen concentrations in presence of two dissimilar electrodes
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and electrolyte without an external power source. As expected with theory, the oxygen sensor output was found to be linear with increase in oxygen content. Moreover,
the oxygen sensor is highly flexible making it compatible with our wearable platform.
However, one of the concerns in oxygen monitoring of the wound is disturbance of
the measurement by environmental factors. For example, the environmental oxygen
might diffuse through the hydrogel and reach the oxygen sensors. We address this
issue by using the cast in a bandage that stabilizes the oxygen sensor with contributions from environmental fluctuations to oxygen to be identical across many
measurements. Therefore, the sensor can be calibrated in each wound environment
so that the first data point in beginning of read-out is the background and can be
subtracted from the rest of acquired data. This calibration can be easily done with
microcontroller programming.
Using the TI LMP91000 analog front-end, electrical current output from
our flexible oxygen sensor was amplified to an analog output voltage from 1-5 V.
We showed how the front-end transimpedance amplifier contains a large range of
programmable internal gains which can be easily set by the microcontroller. The
versatility and programmability of the front-end amplifier allows for monitoring
of a very wide range of oxygen concentrations. Analog voltage output from the
analog front-end was converted to digital form and read by the Arduino LilyPad
microcontroller using the available analog-to-digital converter pins on the LilyPad
board. The oxygen sensor data contained in Figure 3.9c was captured at a remote
location relative to the oxygen sensor using a wireless 2-node XBee personal area
network. The electrical read-out and wireless system uses components which have
been integrated in a relatively compact package making it wearable.
The smart bandage was 3D-printed using TangoPlus material, an elastomer
with exceptional tensile strength, flexibility, and stretchability. While the tango
plus packaging does not limit the flexibility of the system, the components used in
the bandage would surely limit the performance. We made sure that the electronic
package could be easily separated from sensing part, and in this case, sensing part
would be flexible and electronic part would be conformal. It is shown in Figure 3.10.
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This is one of the approaches how we can assure flexibility where it is needed. With
openings for both the sensors and integrated electrical systems, the bandage provides
a platform for robust wound monitoring in a comfortable, wearable package.

Figure 3.10: TangoPlus bandage including electronic patch and sensor patch.
The bandage can be worn by a chronic wound patient without restricting
daily activities. It could be worn as a wristband or bandage. Moreover this portable
system could be worn tightly with small motion effects. The platform is modular
as well, so that the electronic patch could be reused later with a fresh new sensor
patch.
The advantages of an entirely nonrestrictive platform that allows the physician and the patient to receive frequent updates on the chronic wound environment
are numerous. Elimination of bulky medical apparatus will greatly reduce treatment
costs and liberate the patient from antagonizing hospital visits. Furthermore, this
autonomous platform will greatly reduce the amount of time and effort required
by the physician to monitor the wound. With frequent updates via wireless data
transmission, a brief review at the end of the day will be all that is necessary for
physicians to adequately monitor their patients’wounds, enabling them to spend
their time more efficiently. Ultimately, our platform will significantly improve the
efficiency and effectiveness of our health care system in the treatment of chronic
wounds.
The next step is to interface multiple electrodes to the read-out system for
monitoring of multiple wound parameters. In the future, we envision microfluidic
suspensions of drug reservoirs and delivery channels to create a complete closed56

loop feedback system based on sensor data acquisition integrated within the smart
bandage.
In summary in this section, a flexible smart bandage with embedded flexible
oxygen sensors, compact read-out electronics, and a wireless data transmission system was proposed and implemented. Flexible oxygen sensors were fabricated and
shown to have ample sensitivity and linear output. An integrated electronic read-out
and wireless telemetry system was achieved by configuring commercial components
in a compact package. The bandage was 3D printed using an elastomeric material
with high strength and flexibility to serve as a mechanically robust wound bandage.
Mounting the sensor / wireless read-out system on the smart bandage creates a
comfortably wearable platform that provides real-time updates on oxygen concentrations at the wound site to a remote computer. Addition of multiple sensors and
read-out electronics are easily possible with adding more off -the -shelf components
in front-end amplifier. However, the printed circuit board could be replaced with
flexible PCB and provide more feasibility in complicated design.

3.3

Second version-smart flexible wound dressing with
wireless drug delivery

Topical administration of drugs and growth factors in a controlled fashion can improve the healing process during skin disorders and chronic wounds. To achieve
this goal, a hydrogel patch is engineered that utilizes thermo-responsive drug microcarriers encapsulated within a hydrogel layer attached to a flexible heater with
integrated electronic heater control circuitry. The engineered patch conformally covers the wound area and enables controlled drug delivery by electronically adjusting
the temperature of the hydrogel layer. The drugs were encapsulated inside microparticles in order to control their release rates. These monodisperse thermo-responsive
microparticles containing active molecules were fabricated using a microfluidic device. The system is used to release two different active molecules with molecular
weights similar to drugs and growth factors and their release profiles were character57

ized. This platform is a key step towards engineering smart and closed loop systems
for topical applications.
Since the body temperature is almost constant, thus the use of thermoresponsive drug carrier with critical temperature slightly higher than that of the
surrounding tissue might be an interesting approach for controlled drug release. In
addition, the skin temperature is generally lower than 37 o C and the fabrication
method and response of co-polymerized forms of NIPAM based thermo-responsive
materials are similar. PNIPAM was used herein as an example to develop a thermoresponsive platform. The key components of the platform, shown in Figure 3.11,
include thermo-responsive microparticles, a flexible hydrogel layer, a heater for stimulating the microparticles, a controller and power source to adjust the generated
heat, and a flexible cover that holds the components in place.
A chronic wound heals slowly and often reoccurs if left untreated [110]. In
such wounds, the healing capability of the skin is damaged and external intervention
is often necessary for recovery. However, the drug delivery treatment administered
can result in either higher than recommended dose which can cause serious side
effects, or lower than recommended dose that would result in poor healing [111].
To speed up the recovery process and diminish adverse effects, localized control of
drug to the wound environment is critical. Precision medicine through real-time
controlled delivery of drugs directly to the site of chronic wound can lead to faster
recovery. Moreover, topical applications of drugs also open up avenues for new drug
formulations that cannot be delivered orally or nasally. This paper demonstrates an
early prototype of a smart bandage that can deliver topical drugs to the wound in
real-time.
There are various methods for drug delivery using micropumps [112], passive
time-release drug coatings [113] and tight junction opening [114]. In this paper
we propose the use of microparticles that release drugs with thermal stimulation
as an effective option for customized topical drug delivery. The microparticles are
based on N-Isopropylacrylamide (NIPAM), a thermo-responsive material, which is
hydrophilic at low temperatures and becomes hydrophobic at temperatures above
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its critical point (32 o C) [115]. The critical temperature of NIPAM can be tuned
and increased to even above 37 o C through copolymerization with other groups.
Thus, for epidermal applications where the skin surface temperature is less than 37
oC

(an average of 31-32 o C) [116], a small generated heat is all that is required to

initiate the drug release. Temperature applied for the control of these microparticles
hydrophobicity and also of the diffusion of the drugs diffusion can be adjusted using
a micro heater. However, the usage of wires for such temperature control will
considerably decreases convenience for the user. We propose a wireless solution to
the stimulation of the micro heater and of the wound environment in order to ensure
long-term usability. Moreover, wireless control has the potential to engage both
the doctors and caregivers in the treatment regimen for faster recovery. Remotely
control can be achieved by using microcontrollers that can be programmed wirelessly
using a computer or a smart phone.
Flexibility is a critical parameter of smart wound dressing since the dressing
must fit the unique shape of each wound without applying any stress [117, 118]. In
previous section, we presented a smart flexible bandage for sensing of wound oxygenation using flexible electrochemical oxygen sensor, rigid but small format readout electronics and wireless transceivers all integrated in a 3D printed stretchable
bandage. We re-engineer this platform in this paper for drug delivery consisting
of multiple components that are similarly either made up of flexible material or
are small enough that rigidness is not a concern. In our design, a hydrogel patch
embedded with thermo-responsive drug microcarriers is attached to a heater with
integrated electronic heater control circuitry. The hydrogel patch containing the microparticles is flexible, allowing conformal contact with the wound. The heater used
to activate the hydrogel patch and the overall casing merging all the components
together are also designed to be flexible. The electronic components, including the
microcontroller and driver, are rigid but small in size. This bandage is designed to
transdermally distributes drugs loaded in the microparticles. A fabricated flexible
heater activates the drug microcarriers in the hydrogel patch to release the drugs. A
microcontroller and a driver control when the drug delivery should take place. We
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were able to wirelessly manipulate the microcontroller by taking advantage of its
Bluetooth Low Energy module. The following sections detail the design, fabrication
and validation of this wireless drug delivery flexible bandage.

3.3.1

Design

The smart bandage platform consists of thermo-responsive drug microcarriers encapsulated in a hydrogel layer, a heater for stimulating the microparticles, a microcontroller and driver to activate the heater, and a flexible case to hold all the
components together (Figure 3.11). The drug is infused into the microparticles in order to have control of the drug delivery. These microparticles shrink in diameter and
consequently release the drugs into the wound environment when the temperature
rises. The heater, which is controlled by the driver and microcontroller, activates
as the applied voltage increases. The driver, consisting of an H-bridge, allows for
the heater to rise in a range of temperatures. The microcontroller can be wirelessly
programmed using an app so that the user can easily delivery drugs on demand.

Figure 3.11: Conceptual view of the wirelessly controlled on demand drug delivery
patch including heater, microparticles with loaded drugs.

3.3.2

Flexible heater

The drug delivery platform utilizes the fabricated flexible heater for stimulating the
drug-loaded microparticles embedded in the hydrogel patch. For fabrication of the
flexible heater as it is shown in Figure 3.12(a), initially a silicon wafer was covered
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by 12 micrometers of parylene-C, using a PDS2010 parylene coater with 20 grams
of dimer at a furnace temperature of 690 o C, chamber temperature of 135 o C, and
vaporizer at 175o C. An adhesive stencil tape was patterned by a laser cutter (Versa,
VLS2.40) (power 40%, speed 20%) and was attached to the parylene substrate.
Then, 20 nm chromium and 200 nm gold was sputtered on the substrate. The
stencil was then peeled off, leaving behind the flexible microfabricated heater (Figure
3.12(b)). The heater has a resistance of approximately 40 ohms. The temperature
in the heater rises depending on the applied voltage and current. Electric power
is defined as V2 /R or I2 R, where V is voltage, R is resistance of heater, and I is
electrical current. As the heater rises in temperature, the drug microcarriers shrink
in size, causing the drugs to be released transdermally. The electronic portion of the
wound dressing platform activates the heater and controls when the drug delivery
takes place.

Figure 3.12: (a) Fabrication process of the flexible heater (b)Optical image of the
flexible heater (c) Close view of the hydrogel patch with embedded microparticles,
integrated with the flexible.
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3.3.3

Electronics and integration

The smart dressing platform consists of two distinct components, an electronic component and a heater component. The electronic portion of the bandage is comprised
of a Light Blue Bean microcontroller and a small printed circuit board (PCB) acting
as a driver. The Light Blue Bean is a commercial Arduino microcontroller component that supports Bluetooth Low Energy (BLE). BLE allows for it to be wirelessly
programmed by smart phones and computers that are BLE compatible. BLE differs
from classic Bluetooth radios in that it has a much lower power consumption. The
Light Blue Bean has mobile and desktop applications that allow wireless control
of the component. It is powered by a 3V coin cell battery. The Light Blue Bean
contains many pins, including six digital I/O pins and two analog pins. In order to
prolong the batterys life, the Bean has a sleep command that puts the microcontroller in a power down mode. Once put into the sleep mode, the Bean awakes when
the specified time is over or when manually woken up before the timer expires. The
Light Blue Bean controls the driver, which powers the heater.
The driver is fabricated on a PCB (Figure 3.13a) and consists of H bridge
driver and series of off-the-shelf components. It is attached to the LightBlue Bean
(Figure 3.13b). Micocontroller controls the heater through its enable pin. When
Light Blue Bean sets the enable pin high, one of the input pin high, and the other
low, the heater rises in temperature. When the enable pin on the H-Bridge is set
to low, the heater turns off. There is control over how high the temperature rises
by using pulse width modulation on the input pin that is set to high. During
digital control of the pins, the pins are set to either high or low, meaning the duty
cycle is either 100% or 0%, respectively. By doing an analog write to the digital
input pin, the duty cycle can be in between 0% and 100%. Based on the duty
cycle, the voltage applied to the heater can vary from 0V to the maximum voltage
supplied. The driver allows the smart wound dressing platform to control when the
heater turns on and to what extent the heater rises in temperature as it is shown
in Figure 3.13. The whole smart dressing platform comes together in a 3D-printed
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Figure 3.13: (a) Driver board for stimulating of heater (b) Assembled driver board,
microcontroller and wireless module(c) 3D-printed Tangopluse bandage without
components (d) Assembled electronics, flexible heater, and hydrogl patch on Tangoplus bandage.
flexible casing, that aggregates all the components in a compact package. The 3Dprinted flexible casing is fabricated using TangoPlus (FLX930) that is an extremely
flexible elastomer with 218% elongation at the break point and Youngs modulus
of 1.5 MPa. The flexible casing has an electronic component that consists of the
LightBlue Bean and driver and a drug delivery component that has the heater and
drug embedded hydrogel, as shown in Figure 3.13c. In our smart bandage platform
the two components are together on one bandage. However, a future design can have
the components separate, allowing the electronic portion to be in a more convenient
location away from the wound. As seen in Figure 3.13d, the electronic component is
more rigid and the heater component is more flexible. If the two portions are to be
separated, this would increase flexibility where it matters most closer to the wound
and not restrict the need for rigid electronic components. From point of wearability,
the system is assembled in a relatively compact package so that it could be worn
as a wristband or bandage. Moreover this portable system could be worn tightly
with small motion effects. However, the platform could be detached from wound
environment and utilized later during regular activities.
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Figure 3.14: Heater characterization over a range of different voltages.
To prepare the hydrogel patch, the thermo-responsive microparticles were encapsulated within an alginate-based hydrogel patch. A solution of sodium alginate
(Na-alginate; 2% w/v) was dissolved in distilled water and stored at 4 o C. Microparticles were mixed with the Na-alginate solution prior to its use. To crosslink and
make an alginate sheet, an aqueous solution of calcium chloride (CaCl2 ; 2% w/v)
and agarose (2% w/v) was poured in to a PDMS mold and kept at room temperature
for 30 min to solidify. The alginate solution was poured into another PDMS mold
and the sheet obtained from the solidified CaCl2 and agarose sheet was used to cover
the Na-alginate for few minutes until calcium alginate sheets are formed. Hydrogel
patch attached to heater ((Figure 3.12(c))) and assembled on flexible bandage. Using the microcontroller, we have control over when the heater activates and by how
much the temperature in the heater increases. When the microcontroller applies a
voltage to the heater, the temperature rises. The heater has a short transient phase
of approximately ten seconds and then maintains the maximum temperature over
an extended period of time. Starting from 23 o C, the heater can rise to about 35 o C.
Depending on how much voltage is seen by the heater, the heater can rise to a lower
temperature. To reduce the temperature, the microcontroller must apply a lower
voltage. By programming the microcontroller using a smart phone or computer, we
can choose when we want the heater to turn on and consequently when the drugs
should be delivered to the wound. Using the LightBlue Bean app, we can activate
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the heater in real time. We also have the ability to activate the heater in the future
using the Light Blue Beans sleep command. By setting the Bean to sleep for some
time before executing its code, we can choose for the heater to turn on sometime
in the future. The turbidity and the size of the PNIPAM particles changed when
they were heated above the critical temperature (∼32 o C) due to transition from
hydrophilic state to hydrophobic state. This polymerization temperature can be
increased by co-polymerizing it with other monomers. Poly (NIPAM) hydrogels
show similar behavior and possess high water content at low temperatures while
the polymeric network shrinks above a critical temperature and the water content
inside the gels will be pushed out of the material (Figure 3.15a). The turbidity and
the size of the PNIPAM particles changed when they were heated above the critical
temperature (∼32 o C) due to transition from hydrophilic state to hydrophobic state
(Figure 3.15a). A typical time-lapse micrograph of the microparticles fabricated
with 10% w/v NIPAM solution is shown in Figure 3.15a representing the effect of
temperature variation on particles size and turbidity.

Figure 3.15: (a) Snapshots of shrinking of the thermo-responsive PNIPAM (10%
w/v) microparticles at different temperatures (b) Optical image of drug releasing
micro particles with stimulating of microfabricated heater.

3.3.4

Drug release studies

There are various parameters that can affect the release kinetics and drug delivery
properties. Here, we studied the release profile of two drug models with different
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molecular weights keeping the particle size, concentrations, crosslinking process,
and drug loading method constant. FITC-dextran with molecular weight of 70 kDa
was used that had a molecular weight comparable to many growth factors such as
VEGF and KGF. In addition, we used rhodamine isocyanate with molecular weight
of 536.08 Da that is in the size range of some commercial antibiotics used for treating skin infections. Both active molecules are fluorescent and can be easily detected
using a spectrophotometer. In Figure 3.16a, a set of time-lapse micrographs shows
the release of FITCdextran from a microparticle into the surrounding PBS upon
heating. For this purpose, a single FITCdextran loaded microparticle, was put in
a cavity on a transparent holder filled with 100 µl of PBS. The holder was then
mounted on a glass slide and placed inside the environmental chamber of the microscope to observe the release of FITC-dextran in response to an increase in the
temperature. Cumulative release of FITC-dextran and rhodamine isocyanate from
microparticles was measured at 25 o C and 37 o C over the course of 72 hr (Figure
3.16b). The results indicated an initial burst release of both drug models. There is
the possibility of agglomeration of the drug on the external surface of the microparticles once they are separated from the soaking solution. This aspect can contribute
to the initial burst release [31]. After the initial burst release the mechanism of release is mostly governed by diffusion. The observed shift in the release profiles at 25
oC

and 37 o C may be due to initial shrinkage of the microparticles and its significant

effect on the burst release at a higher temperature. At 37 o C, the particles show a
Submitted to 12 burst release of almost 70% versus about 30% at 25 o C in initial
hours followed by a reduced release rate up to 72 hr (Thanks to Khademhosseini
Lab (EFRI group)).

3.3.5

Materials

Sodium alginate, calcium chloride (CaCl2), N-Isopropylacrylamide (NIPAM), cross
linking agent N,N’-Methylenebisacrylamide, agarose, and mineral oil were purchased
from Sigma Aldrich (St. Louis, MO, USA). 2-hydroxy-1-(4-(hydroxyethoxy)phenyl)2-methyl-1-propanone (Irgacure 2959, CIBA Chemicals) was used as photoinitiator
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Figure 3.16: Drug release from the thermo-responsive particles. (a) Snapshot of
release of FITC-dextran from particles incubated in PBS during heating. (b) Cumulative release of FITC-dextran (Mw 70000) from PNIPAM particles at different
temperatures. (c) Cumulative release of rhodamine isocyante (Mw 536.08) from
PNIPAM particles at different temperatures.
(PI). An Omnicure S2000 UV illumination system was used for photocrosslinking of NIPAM. Dulbeccos modified Eagle medium (DMEM), fetal bovine serum
(FBS), 0.05% trypsin-EDTA (1X), and antibiotics (Penicillin/Streptomycin) were
purchased from Invitrogen (Carlsbad, CA, USA). PrestoBluer Cell Viability Reagent
was obtained from Life Technologies.

3.3.6

Microparticles fabrication and microfluidic device characterization

Monodisperse and thermally-responsive microparticles were fabricated using a microfluidic flow-focusing device. A cylindrical capillary tube was coaxially aligned
within a channel fabricated in the PDMS device. The inner diameters of the injection tube and PDMS channel were 360 and 820 µm, respectively. NIPAM was purified by recrystallization with a hexane/acetone mixture (50/50 v/v). The dispersed
inner phase was an aqueous solution of NIPAM (4-10% w/v), N,N-methylene-bisacrylamide (BIS, 0.3% w/v) as the crosslinking agent, and water soluble PI (0.5%
w/v). The continuous phase was mineral oil containing 20% v/v of nonionic surfactant Span80. The two phases were injected into the inlets of the microfluidic device
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using plastic syringes (BD Biosciences) connected by chemical resistant clear PVC
tubings (Mcmaster-carr). The flow rates of the solutions were finely controlled by
syringe pumps (PHD 2000, Harvard Apparatus). The microparticles were collected
in a Petri dish and then were photopolymerized through exposure to UV light for
5 mins, keeping the temperature around 4 o C to reduce the reaction rate. The UV
intensity was set to 850 mW and the distance between the tip of the fiber optic and
the Petri dish was set to 8 cm. The crosslinked microparticles were then washed in
DI water and the surfactant 4 times by centrifugation in order to remove the excess
oil. The formation of the particles and the effect of flow rate variation on particle
size were monitored using an inverted optical microscope (TE2000-U, Nikon).

3.3.7

Characterization of the thermo-responsive behavior of the
microparticles

The thermo-response of the fabricated microparticles was characterized by raising
their ambient temperature from 25 to 40 o C. The PNIPAM microparticles at room
temperature were put in multi-well plates and were then placed on a Zeiss Axio
observer D1 microscope equipped with an environmental chamber and a heating
unit (XL S Zeiss). The temperature was slowly increased (1 o C/min) and the microparticles ambient was measured continuously by the thermometer placed in the
chamber. For each case 40 particles were monitored and the images were later analyzed using ImageJ [31] to characterize their thermo-responsive behavior. As the
temperature is increased, the PNIPAM particles shrink and become opaque. In order to investigate the response of the crosslinked PNIPAM, the variations of UV-vis
absorption of the crosslinked microparticles as a function of monomer concentration (4-10 w/v%) and PI concentration (0.5-0.125 w/v%) were determined a BioTek
UV/vis Synnergy 2 spectrophotometer over a range of temperatures (28 o C -42 o C
)(Figure 3.17)(Thanks to Khademhosseini Lab (EFRI group)).
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Figure 3.17: Fabrication and characterizations of thermo-responsive microparticles.
(a) Schematic illustration of the flow focusing microfluidic channels and microparticle fabrication. (b) Microscopic view of the collected particles. (c) SEM micrograph
of freeze dried microparticles. (d) Size of the microparticles versus the ratio of oil
phase to aqueous phase flow rates

3.3.8

Hydrogel patch preparation

The thermo-responsive microparticles were encapsulated within an alginate-based
hydrogel patch. A solution of sodium alginate (Na-alginate; 2% w/v) was dissolved
in distilled water and stored at 4 o C. Microparticles were mixed with the Na-alginate
solution prior to use. To crosslink and form an alginate sheet, an aqueous solution of
calcium chloride (CaCl2 ; 2% w/v) and agarose (2% w/v) was poured in to a PDMS
flat mold and left at room temperature for 30 min to solidify. The agarose sheet was
then peeled off and stored. The alginate solution was poured into another PDMS
mold and the sheet obtained from the solidified CaCl2 and agarose sheet was used
to cover the Na-alginate for few minutes until calcium alginate sheets are formed.

3.3.9

Procedure of release studies

Freeze dried microparticles were weighed and soaked in either a fluorescein isothiocyanatedextran (FITCdextran, Mw 70 kDa) solution (1 mg/mL) or rhodamine isocayante
(Mw 536.08 Da) solution (1 mg/mL) and incubated for 24 h to swell and absorb
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the solution. Both reagents are fluorescent and can be detected using a UV-vis
spectrophotometer. For both batches, the microparticles were then separated from
the solutions and washed in order to remove the excess solution on their surfaces.
Similar weights (2 mg) of loaded particles were then separately added to 2 ml PBS
and multiple containers were kept at different temperatures. At each time point,
200 µl of the supernatant was removed and used to measure its flurocent intensity
(FITCdextran: ex 485 nm and em 530 nm; rhodamine isocayante: ex 543 nm and
em 580 nm). A calibration curve prepared by measuring the intensities of known
concentrations was used to determine the concentration of the released drug models
(FITC-dextran and rhodamine isocayante). The results were then normalized and
converted to percentage cumulative release. (Thanks to Khademhosseini Lab (EFRI
group)).
In summary, in this section a flexible smart bandage with potential of wireless
control of drug delivery was presented. The smart wound dressing platform is cast
as a 3D printed flexible and stretchable bandage consisting of two separate parts,
one for drug delivery and the other for electronics. The topical drug delivery is
implemented using thermo-responsive drug carriers infused into a hydrogel sheet,
which is activated by a heaters change in temperature. Through characterization of
the heater, we have demonstrated control over when the heater activates and also the
temperature that it rises to. The heater is controlled by the driver and Bluetooth,
which can be wirelessly programmed for users convenience. Flexible components,
such as the heater, hydrogel, and overall 3D casing, allow for a conformal and
wearable bandage. This study proposes an effective method in expediting wounds
recovery process using on demand drug delivery with wireless electronics.

3.4

Third version-closed loop smart bandage for the
sensing and delivery

The third version of the smart bandage including flexible pH sensors, drug released
patch, wireless readout electronics and driver has been implemented in a closed-loop
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design. In this design, pH sensors and drug release patch are integrated on a porous
fabric. The hydrogel and drug microcarriers are embedded into pores of the fabric
and provide a robust integration (See Figure 3.17). Morover, electronic patch and
sensor-release patch are separated to allow more flexibility in the portion of the
sensors-release patch that is in direct contact with the chronic wound.

Figure 3.18: Closed-loop smart bandage including sensors, electronics and drug
delivery. (a) Array of pH sensors on porous fabric. (b) Integration of pH sensors
with hydrogel containing particles as drug carriers. (c-d) Assembly of integrated pH
sensors, electronics and hydrogel into the 3D printed casing.
The bacteria is cultured on hydrogel to mimic the condition of an infected
wound. The bacteria used were Staphylococcus aureus. After bacterial culture pH of
media changed. After monitoring this change using sensors wirelessly, antibacterial
drug was released by driving current through a resistive heater. This causes drug
loaded microparticles to release antibacterial drug. The pH was seen to return to
normal values showing evidence of antibacterial activity with zones of inhibition
(See Figure 3.18).
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Figure 3.19: (a) Calibration plot of the pH sensors. (b) Detection zone after antibiotic delivery using thermo-responsive approach

3.5

Parylene-based power source

In this section, we present the potential to harvest energy directly from the digestive system for powering a future wireless endoscopy capsule. A microfabricated
electrochemical cell on flexible parylene film is proposed as a gastric battery. This
electrochemical cell uses gastric juice as a source of unlimited electrolyte. Zinc [Zn]
and Palladium [Pd] serve as anode and cathode. The proposed battery is planar and
no separator is needed and annular structure of the electrodes provides possibility of
the lower distance between cathode and anode and it reduces the internal resistance.
Both electrodes are biocompatible and parylene provides flexibility to the system.
For a surface area of 15 mm2 , 1.25 mW is generated which is sufficient for most
implantable endoscopy applications. Open circuit output voltage of this battery is
0.75 V. Since this gastric battery does not require any external electrolyte, it has
low intrinsic weight, and since it is flexible and is made of biocompatible materials,
it offers a promising solution for power in implantable applications.

72

Introduction
Endoscopy provides a powerful tool for the treatment and diagnosis of various diseases such as stomach ulcers [119], stomach cancer [120], and acid-reflux disease
[121]. Recently, the development of a pill-sized capsule with an integrated camera,
battery, sensors and actuators has provided a painless alternative which is wireless
to the traditional tethered version. These capsules have the potential to image even
the small intestine [122] and measure temperature, pH [123], and other critical physiochemical parameters in the digestive system which conventional endoscopy tools
may not be able to perform. The endoscopy capsule is swallowed easily through the
mouth into the stomach and does not require any pushing force. The battery is one
of the key components of any wireless endoscopy capsule; it is typically quite bulky
and occupies a lot of space inside the capsule. There are several studies focusing on
making a small light weight yet an efficient source of energy for powering biomedical devices. Energy harvesting from the environment in vivo provides a sustainable
solution for long-term operation. Recently many approaches for energy harvesting
have been proposed, ranging from muscle motion [124], vibration (e.g. heart beat,
breathing) [47, 48], microbial fuel cell [49] and glucose in biological fluid [125]. Most
available devices and batteries are rigid, non-conformal, and therefore not suitable
for in vivo applications. Since devices in the digestive system are often in motion,
flexibility is one of the most important factors for building these devices. Moreover one expects the substrate for endoscopy to be transparent to facilitate imaging.
Parylene C, is most commonly used of parylene series which is produced from the
poly-para-xylylene modified only by the substitution of a chlorine atom for one of
the aromatic hydrogens. Parylene as a linear and highly-crystalline polymer is a low
weight, transparent, flexible, FDA approved, and biocompatible material. It can be
extremely stable in different chemicals and temperatures. These properties make
parylene C a promising substrate for biomedical flexible devices [126, 127]. Most
portable, low cost, efficient, and implantable power sources are designed based on
electrochemical approaches. Recently different types of biofuel cells (BFCs) with
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Figure 3.20: Schematic of proposed battery using gastric juice inside the stomach
as an electrolyte for the galvanic cell.
various performances have been developed [128, 129]. Most batteries are simple
galvanic cells composed of two electrodes and electrolyte. The important issues to
consider are the provision of electrolyte, which is a source of redox species, and
integration issues for implantable applications. Glucose is an abundant available
biochemical inside the body and is typically used in biological fuel cells [130, 131].
Since oxidation of glucose at the anode is not very spontaneous, glucose oxidase is
used as an enzyme to support charge transfer [132]. However, stability of enzymes
in long-term operation is limited. In many conventional electrochemical batteries,
not limited to implantable applications, hydrogen ions are used as oxidizing species.
The stomach is an abundant source of hydrogen ions because gastric juice, which
is composed of mucus, pepsin, and hydrochloric acid is highly acidic. Stomach epithelium cells secret the contents of gastric juice through the stomach and provide a
suitable environment for digestion of foods. Normally two litters of gastric juice are
generated daily, but the precise value depends on many factors such as diet [133].
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In this study we suggest the potential of gastric juice in the digestive tract
as a source of energy for powering a wireless endoscopy capsule. The battery is
essentially a spontaneous electrochemical cell with two microfabricated electrodes
on parylene serving as a flexible substrate. Gastric juice inside the stomach serves
as the only source of electrolyte that is automatically replenishable. Flexibility,
miniturization and planar structure, and utilization of a nafion membrane, in adition
to the fact that higher power can be generated makes the proposed battery distinct
from an only previous known effort on using gastric juice for battery [134]. We
provide preliminary investigations on this battery and recommend its use for medical
diagnostics of a digestive tract owing to its simplicity, flexibility, biocompatibility
and low cost.

3.5.1

Materials and methods

3.5.1.1

Methodology

The approach of using a gastric battery in the stomach is demonstrated in Figure 3.20 While many applications for the proposed battery is possible, we use the
wireless endoscopy capsule as a primary application; a typical wireless endoscopy
capsule consists of a camera, sensors and electronic circuits for navigation, communication, and sensing and a battery. In the approach demonstrated in Figure 3.20,
the proposed gastric battery can be used as a power source; since the voltage and
power output is expected to fluctuate due to variations in the acidic environment of
the stomach, a power management circuitry with integrated buck/boost converters
and a voltage regulator will be needed to provide a stable power supply. The design
of the battery in the proposed design is expected to be on the surface of the capsule
to harvest the gastric juice. Electrodes for this gastric battery can be fabricated on
the surface of the capsule; this is achieved by using a flexible substrate like parylene
which is also optically transparent so as not to interfere with the imaging. Gastric
battery proposed in this paper is essentially an electrochemical galvanic cell with
gastric juice as an electrolyte (and a source of hydrogen ions). Reduction and oxi-
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dation on the microfabricated cathode and anode results in ion transfer in solution
and generates electron flow at the electrodes that powers the external circuit. The
overall electrochemical charge transfer can be explained as follows: Zn as an anode
easily oxidizes and dissolves in gastric solution leaving behind two electrons in the
metal anode (reaction 1 below); hydrogen ions coming from the gastric juice are
reduced at the cathode (Pd), and the generated hydrogen gas evolves as a bubble
from this electrode (reaction 2 below). Overall reaction (3) below shows the final
relationship between Zn consumption and hydrogen gas generation.
Anodes:
Anode : Zn(s) ←→ Zn2+ (aq) + 2e−

(3.5)

2H + + 2e− ←→ H2 (g)

(3.6)

Zn(s) + 2H + ←→ H2 (g) + Zn2+ (aq)

(3.7)

Cathode:

(2) Overall reaction:

For determination of total voltage between anode and cathode in the proposed
electrochemical cell, Nernst equation (4) can be used,

0
−
Ecell = (Ecell

[H2 ][Zn2+ ]
RT
ln
nF
([H + ]aq )2

(3.8)

0
where Ecell is the cell potential (electromotive force), Ecell
is the standard

cell potential, R is the universal gas constant: R = 8.314472(15) JK/mol, T is the
absolute temperature, n is the number of moles of electrons transferred in the cell
reaction or half-reaction: n=2, and F is faraday constant: F=96 485.3415 C/mol.
Cell voltage can be derived from the cells equilibrium condition when there is no
net ion flux and cell voltage is zero; standard cell voltage is then given by equation
(5).
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0
Ecell
=

RT
ln([H2 ][Zn2+ ])/([H + ]aq )2
nF

(3.9)

This gives the cell voltage in standard conditions as 0.76 V. If conditions
change, the Nernst equation shown in (4) can be used to calculate the output voltage.
Since there is a strong dependency on the concentration of hydrogen ions, which
is expected to fluctuate, the output voltage is not steady and electronic means
through buck/boost conversion and voltage regulation is employed to provide a
stable output power supply. Design of these circuit elements is not the focus of this
research article and can be found elsewhere [135]. Fabrication The flexible gastric
battery was fabricated using standard microfabrication methods for the creation
of electrodes followed by electrodeposition. The structure of the gastric battery
is shown in Figure 3.21a, parylene-C was chosen as a substrate; Zn and Pd were
subsequently employed as the anode and cathode; Nafion as ion exchange membrane,
and a protective filter are the various components of the gastric battery. The entire
fabrication process is detailed in Figure 3.21b. First, a silicon wafer is covered by
12 micrometers of parylene-C; this is achieved using PDS2010 parylene coater with
20 grams of dimer at furnace temperature of 690 o C, chamber temperature of 135
oC

and vaporizer at 175 o C. In the next step, SPR photoresist is spun on parylene

at 3000 rpm for 30 sec. After UV lithography for patterning the desired shape of
the electrodes, 20 nm chromium as an adhesion layer and 250 nm Pd are sputtered.
Lift off with acetone leaves Pd electrodes on the substrate. Then the entire wafer
except the cathode is covered by SPR photoresist, and Zn electroplating is performed
using constant current electrodeposition [136] with a current density of 4 mA/cm2
by Keithly 6430 source meter; during electroplating, the solution temperature is
stabilized at 40 o C and the process is monitored until the voltage across the current
source dropped to 0.2 V. After removal of photoresist with acetone, the electrodes
are covered with 2 ml of liquid nafion by a pipette; it is then left overnight in
ambient environment to dry creating a thin nafion film structure. At the end,
parylene is carefully peeled off from the silicon using a blade. For usage in the body,
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a protective filter (whatman filter with pore size of 8 µm) should be attached by
epoxy to protect the battery from other micro- and macro-particles in the digestive
system. Figure 3.21c shows the proposed flexible battery (shows two fabricated
electrodes on parylene with nafion membrane top). Materials In the experiment,
Nafion 117 solution (Sigma-Aldrich, USA) was used directly, and two component Zn
electroplating solution (CRSWELL, NY, USA) were mixed on site and used. For
the photolithography, SPR 220-3 (Micro Chem, LA, USA) as a positive photoresist
and parylene-C powder (Specialty Coating Systems, IN, USA) has been used. All
other chemicals and solvents were of analytical grade without further purification.
For testing the proposed battery, we simulated the gastric juice environment
in vitro. For the simulation of gastric juice, Simulated Intestinal Fluid (SIF) powder
(Biorelevent, Surrey, UK) was used. 400 mg of NaCL was dissolved in 200 mL of
water and hydrochloric acid and adjusted to pH 1.6, which is a typical pH of the
gastric juice. Then SIF powder was added to the buffer to make the simulated
electrolyte ready to use for the battery.

3.5.2

Results and Discussion

In design of a gastric battery, selection of the materials for the anode, cathode and
substrate is a significant challenge. The first question is what materials would enable design of a high power battery in the unique environment of a persons digestive
tract. For selection of the material for cathode, reaction (1) revealed that the hydrogen ions in gastric juice are reduced at this electrode; therefore it should have the
highest affinity for reduction of hydrogen ions. Prior studies have shown platinum
and Pd have a more catalytic effect on reduction of hydrogen ions compared to other
noble metals like gold, silver, copper [137]. Platinum [Pt] and Pd are also advantageous because of their higher reduction potential, which provides the possibility of
realizing cell voltage as high as 1.5 V for each cell. Since the cathode is a positive
terminal where other materials like oxygen might also be reduced [138, 139], another
issue which should be considered is sensitivity of the electrode to other species. Between noble metals silver is insensitive to glucose, but it has less reduction potential
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Figure 3.21: (a) Structure of the proposed gastric battery. (b) Fabrication process of a flexible gastric battery: (1), (2) a silicon wafer is covered by parylene-C;
(3)-(5) photolithography and lift off leaves silver electrode on parylene-C; (6) Zn
electroplating on one electrode is performed; (6)-(8) photoresist is removed and; (9)
electrodes are covered by nafion; (10) parylene is peeled off from silicon wafer. (c)
A microfabricated battery.
compared to mentioned electrodes, limits the maximum generated voltage to 0.8
V. Between Pt and Pd we have chosen Pd since it is less expensive. Reduction of
oxygen and oxidation of glucose at the cathode can be prevented by covering it with
a membrane. Whereas, oxygen reduction does not impact the battery performance
however it might affect the biological system where the battery is used. We used
nafion which is a very strong proton exchange membrane [140] and does not let
other species and negative ions to the cathode. The anode is where oxidation takes
places, and based on the reaction (2), it should be electro-active and should have
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a relatively high negative standard reduction voltage to oxidize and generate electrons easily with respect to other species in the cell. Reduction potential of -0.8 V
makes Zn a suitable electroactive material. Moreover Zn is abundant in nature and
is also low cost. Another question for the selection of electrodes and substrate is the
toxicity of the materials inside the digestive system. Literature shows Pd is an inert
metal which does not have any significant corrosion in the strong acidic environment
of the digestive system. On the other hand, Zn dissolves in gastric juice and might
influence the biological system. Normally people take 10-15 mg Zn daily through
their meals; problems only arise when the consumption is greater than 100-300 mg
[141]. A calculation shows that at the maximum oxidation rate, 11.7 mg of Zn ions
and 3.98 cm3 of hydrogen gas will be released hourly in gastric juice for the designed
electrochemical cell. It is detailed in following equations:

m(g) =

(3600S × 4.8mA)
(t(S) × I(A))
× M (g/mol) =
× 65.409g = 11.7mg
F (SA/mol)
(96485.3365(SA/mol))
(3.10)

where m is consumed zinc mass, t is the total time which is battery working,
I is the generating current, F is faraday constant and M is the molar mass of zinc.
Based on reaction, for one mole zinc consumption, one mole hydrogen gas
will be generated. Therefore:

m(g) =

V (cm3 ) =

(3600(S) × 4.8(mA))
× 2 = 0.358mg
(96485.3365(SA/mol))

m(g)
0.35(mg)
=
= 3.985cm3
3
d(g/cm )
(0.08988(mg/cm3 ))

(3.11)

(3.12)

where V is the volume of generating hydrogen gas, m is the mass of generating
hydrogen gas and d is the density of hydrogen gas. Therefore the released Zn ions can
be considered harmless and merely serve as a suitable source of Zn supplement. One
could limit over-exposure to Zn ions by operating the battery only intermittently
when needed. Accidental overdose can be limited by reducing the thickness of the
Zn in the battery such that the total Zn content is less than the recommended daily
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dose. Debris accumulation on the surface of electrodes may affect the performance
of the galvanic battery, especially if it is supposed to be used for a long period of
time. If a long-term power source is required, the surface of the electrodes could
be covered by a semipermeable membrane to prevent accumulation; however, the
membrane is not needed for short-term diagnostic applications. Also we have used
a protective filter paper to serve as a barrier for accumulation of macro particles.
The final issue that should be considered is the integration of the gastric battery
with the endoscopy capsule. Since the gastric battery is flexible, transparent and
has been miniaturized, it could be placed on the surface of the capsule. The entire
battery could be fabricated on one substrate with just the contact pads of the
battery made by inert metals for interconnection to the rest of the electronic and
optical components of the battery. Fabrication process is simple enough that it can
be easily integrated; it is flexible and conformal to adapt to variety of biomedical
devices targeted for the digestive tract. For evaluation of the gastric battery, it was
dipped in the simulated gastric acid and terminals of the electrodes were connected
to the external resistor. Figure 3.22a. shows the output voltage for the various
range of the external resistor; the open circuit voltage is 0.75 V which is very close
to the standard cell voltage in theory. Figure 3.23a shows output voltage and power
with respect to current. Maximum power of 1.25 mW is achieved when output
current is 4.8 mA and output voltage is 0.25 V. This reveals that internal resistance
of proposed gastric battery is around 50Ω which is less than reference [142]. This is
highly desirable and can be attributed to the lower distance between cathode and
anode and due to the planar structure of battery. In conventional settings, constant
stirring is necessary for any aqueous electrochemical system to enable continuous
and stable redox reactions at the electrodes, and hence for a stable electrical output.
Since the electrodes in the proposed battery are very small and located very close
to each other, stirring is no longer required. Time response of the output voltage is
shown in Figure 3.22b; it confirms that over time, the output voltage did not change
even though the medium was not stirred.
The lifetime of the gastric battery is another parameter which should be con81

Figure 3.22: Output voltage of the gastric battery. (a) Output voltage versus external resistor. (b) Output voltage over time.
sidered. Since endoscopy capsules are diagnostic tools, the battery is not expected
to power the circuitry over long term. However, one needs to capture the absolute
lifetime of the gastric battery; this is dependent on thickness of the Zn electrode
which is continuously getting dissolved in the gastric environment; when the Zn is
consumed completely, the battery will die. Simple calculation shows that the battery in maximum power can work continuously for one hour if the Zn electrode with
a surface area of 15 mm2 is 100 µm thick, which is more than the required time
for a diagnostic test; 11.7 mg will be used during 1 hour in the worst case. The
microfabricated electrodes in the proposed gastric battery are located horizontally
and close to each other, and since they are already separated, a separator is not required. This possibility allows for a less bulky set up compared to the battery with
vertical electrodes that would need a separator and a holder. Another parameter
mentioned in the discussion section was the coating of the electrodes with nafion.
The effect of nafion coating is shown in Figure 3.24. Output voltage increases significantly in the presence of nafion. The nafion matrix increased the solubility of
hydrogen ions in comparison to unmodified electrodes. It is also known as a strong
proton exchanger and its particular structure has a catalytic effect for hydrogen
ions [143]. Since the gastric battery works on reduction of hydrogen ions, nafion
increased the desirable electrochemical kinetic reaction and increased the electrical
voltage output. For the extraction of the electrical model of the gastric battery and
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discovering its internal resistance, the output power is measured for the different
load resistance. See Figure 3.22a. In optimum state, 1.25 mW maximum power
was generated; this maximum power is achieved at 50 Ω load across the battery,
suggesting the battery has internal resistance of 50 Ω. This amount of power is
sufficient for typical implantable endoscopy capsules. Since the pH of gastric juice
in the stomach may vary because of different conditions in the stomach and the diet
conditions, and since pH is representative of the hydrogen ion source, it is one of
the most important parameters to be considered if one is exploring the stability of
the voltage output from this battery. pH range of gastric juice varies in the range of
1-3. Measured results in Figure 3.23b. shows that there is a dependence on the pH,
however battery operation is not compromised. In order to provide a stable output
voltage supply, one will need a buck/boost converter and a voltage regulator as part
of the power management circuitry; an approach, which is essential in any energy
harvesting device.
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Figure 3.23: (a) Output voltage and power respect to generating current. (b) pH
effect on output voltage of gastric battery. (c) effect of surface area of cathode
electrode on output power of the gastric battery.
The last parameter to be considered is surface area of the electrodes. Surface
area of the electrodes affects the internal resistance of the gastric battery and it
affects the generated power of the device. Figure 3.23c shows that output power
will increase if the surface area of electrodes is increased. The surface area of the
capsule dictates this performance. Greater the surface area, the higher will be the
output power.
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Figure 3.24: Effect of nafion on output voltage of the gastric battery.
In conclusion, this section presented a flexible and biocompatible device for
energy harvesting in the digestive system. The device is essentially a galvanic electrochemical cell with gastric juice as an unlimited source of self-replenishing electrolyte;
the electrodes were fabricated on parylene which serves as a flexible conformal and
biocompatible substrate, the gastric juice produced in the stomach as an unlimited
source of constant electrolyte, and nafion thin film used as a proton exchange membrane. We tested the battery in a simulated digestive environment using digestive
powder and tunable pH between 1 to 3 in accordance to literature; setting these conditions prove that the results would also be reliable for in vivo applications. With
a surface area of 15 mm2 , 0.7 V and 1.25 mW electrical output was generated. The
battery exhibits an internal source resistance of 50 Ω. The proposed battery design
is compatible for surface integration on an endoscopy capsule. In fact, the proposed
gastric battery design can be utilized for powering any diagnostic device in an acidic
environment with sufficient hydrogen ions.
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Chapter 4

Nanoenabled sensors and
electronics on paper substrates
This chapter provides an overview of concepts, and possible applications of paperbased devices for low-cost diagnostics. I also show the next generation of paperbased devices with introduction of high surface area electrodes by adding compatible approaches for growth and deposition of nanowires and nanoparticles. The
performance of the electrode was evaluated by utilizing as dry ECG electrode and
as an active electrode in biological battery . At the end we proposed three layer
paper-based printed circuit board.

4.1

Introduction

Development of low-cost, reliable, self-contained medical diagnostic devices using
common earth-abundant materials is receiving significant attention owing to its potential to significantly improve health outcomes in regions of the world with limited
resources [144, 12, 145, 146]. Of many possible alternatives, common paper has
been suggested as a suitable substrate material for such devices. Papers are typically prepared from cellulose fibers through earth-abundant renewable sources like
wood, cotton, etc [147]. Different synthesis approaches can be used to produce paper
with a wide range of properties such as hydrophobicity and pore sizes [118]. Paper is
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flexible, lightweight, and biocompatible, making it an ideal platform for sensing and
electronic applications. Capacitive touch pads, dopamine sensors, glucose sensors
and bioassays on paper substrates have been recently demonstrated [148, 149, 150].
Moreover the fabrication of paper-based devices is straightforward and utilizes lowcost, environmentally friendly, room-temperature processing steps [148, 149, 151].
For example, one can begin with hydrophilic chromatography and filter papers and
pattern them using standard photolithography or wax printing to define hydrophobic regions to make paper-based microfluidic devices for sensing [152, 153, 78, 154].
One can also work with hydrophobic alternatives such as parchment or wax papers,
on which either chemical treatment or laser ablation is used to define hydrophilic
areas for microfluidic flow-based assays [151, 155, 77]. Potential of paper-based devices can be further enhanced if one can bring new materials and approaches to
enhance performance or add new functionality.

4.1.1

Fabrication technologies for developing microfludics on paper

According to aforementioned information, microfluidic channels are one of the key
components in biomedical paper-based devices. In general, there are two approaches
for fabrication of microfluidic devices: physical blocking pores and chemical modification of the surfaces. In physical blocking paper such as wax patterning, PDMS
patterning, hydrophobic walls created on hydrophilic paper to prevent mixing of
analytical regents. However, in surface modification method, surface of the paper
modified with reactive agent to chemically convert the hyrophilic structure of cellulose to hydrophobic surface. These approaches were used for many application such
as various bioassay and chemical senors. Some of the common methods are listed
below.

Wax patterning
In wax patterning wax is applied to the surface of the paper. It is performed using
dipping, screen printing, printing by a wax printer. Afterward, paper is heated (100
o C)

to allow wax to melt and diffuse through the pores of the paper and construct
87

Figure 4.1: Wax printing procedure [25].
the hydrophobic barrier. The fabrication approach is shown in figure 4.1. Paraffin
deposition would be very similar to the wax printing [25].

Photolithography
In photolithography method, paper is saturated with photoresist and the exposed
to UV through a photomask. Uncured areas remained as hydrophobic barrier. For
implementation, SU-8 is employed as negative and hydrophobic photoresist and sun
light could be used as source of the UV light [78].
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Flexographic printing
This fabrication method could be used for massive and high throughput production.
In this approach polystyrene ink dissolved in organic solvent flexographically was
printed on paper or plastic substrates using commercially available printer [156].

Alkyl ketene dimer (AKD) printing
Alkyl ketene dimer (AKD) as a hydrophobisation reagent was used to modify the
surface of the paper to convert hydrophilic parts to hydrophobic parts. AKD is a
reactive cellulose agent able to interact with OH group of cellulose in paper for this
purpose. Alkyl ketene could be applied using modified inkjet printing followed by a
curing step [157].

Laser treatment
This approach was used for conversion of the commercially coated paper with hydrophobic agent to hydrophilic paper. Laser with very low power and high speed
was utilized to change the surface morphology of the paper by removing hyrophobic reagents. Parchment papers and wax papers are two examples of the current
hydrophobic papers [151].

4.1.2

Fabrication technologies for developing conductive materials
on paper

Electrodes, which are the key constituents of any chemical and physical sensors, can
be fabricated by inkjet printing, screen printing, and spray coating as common cost
effective fabrication approaches.

Inkjet printing
Inkjet printing is a digital and contact less printing approach in which small drops
of ink are forced for deposition on the surface of substrates by either mechanical
or thermal actuation. Using this technology materials ranging from nonconductive
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Figure 4.2: Showcases of microfluidics on paper using different approaches [25].
to conductive and nano materials are deposited in an additive manner without
interaction of the print head with the substrate. The solvent of the ink must wet
the surface before printing, and the extent of the wetting controls the resolution of
the patterning. Resolution of inkjet printed is reported more than 10 µm [158].

Screen printing
Screen printing is the common method for deposition of conductive inks on the
surface of substrates especially paper. To perform screen printing, a shadow mask
or a stencil is prepared using laser cutter and temporary bonded to the surface of
the substrate. Then, ink is painted over the mask and cured if it is required. At
the end, peeling off the mask leaves behind electrodes on the substrate. To have
uniform and thin layer deposition of conductive inks, painting can be replaced with
spin coating [159].

4.2

Nanowires and nanomaterials on paper substrates

Nanowires and nanoparticles, with their unique properties such as high surface
area, high surface to volume ratio, and outstanding electrical transport behavior
are emerging materials for realization of electrodes for sensors, batteries, and supercapacitors [160, 161, 162, 163, 164]. Biomedical devices have also benefited from
the following properties of nanomaterials: antimicrobial susceptibility, [165, 166]

90

contrast agents in imaging, [167] cancer therapeutics through photothermal or magnetic heating effects, [168, 169] low impedance and high surface area electrodes for
recording of neural activity, [170, 171] and biosensors for the detection of biological targets such as DNA and dopamine using nanowires, nanopores and nanoneedles [172, 173, 174, 175, 176]. Introducing nanowires and nanopowders on paper
substrates will synergistically bring together the low-cost paradigm of paper-based
substrates with the outstanding physical, electrical and chemical properties of nanomaterials for many applications in sensing, energy storage and batteries. Introducing
nanowires and nanopowders on paper substrates will synergistically bring together
the low-cost paradigm of paper-based substrates with the outstanding physical, electrical and chemical properties of nanomaterials for many applications in sensing,
energy storage and batteries.

4.2.1

Current methods in fabrication of nanowires and nanomaterials

Some techniques for growth of nanowires such as Vapor-Liquid-Solid (VLS), [177,
178] and Chemical-Vapor-Deposition (CVD),[179] require high temperatures (more
than 300 o C) and cannot be performed on paper substrates owing to its low ignition temperature. Only low temperature approaches that rely on solution phase
deposition or bottom-up and directed assembly are feasible for paper integration.
In order to realize high-density nanowires on paper, we employ a template-assisted
growth technique where a porous membrane with closely packed nanopores is used
as a template for electrodeposition of nanowires through them [180, 181]. This approach is low-cost, and can be performed at room temperature for growth of many
different types of nanowires such as palladium, platinum, copper, nickel, and silicon
[182, 183, 184, 185, 186, 187]. For the choice of membranes with nanopore arrays,
there are two possible options: Anodized Aluminum Oxide (AAO) and Poly Carbonate Membrane (PCM). We utilized a nanoporous AAO template in this study.
To make a template, first, a thick (∼50 µm), ultra-pure layer of aluminum film
is required. However, difficulty in deposition of such a thick layer and its subse91

quent anodizing make direct growth of nanowire on paper unworkable. In turn, we
have developed an approach, which involves making an AAO template separately,
and then transferring the template on paper for subsequent growth of nanomaterials through them. Control of the geometry, size and spatial location for nanowire
electrodes on paper is achieved by patterning the seed electrode layer on paper
first; these locations then dictate areas on paper where nanowires electrodeposit
through the AAO template whose pore density and spacing is controlled separately
in preparation of this template. This process provides inherent alignment without the need for any photolithographic steps for realization of patterned nanowires
on paper. Moreover, the process also allows one to have multiple electrodes with
different types of nanowires at different locations on the same paper. The entire
fabrication process is simple and straightforward: Screen-printing is used for patterning of electrodes, and double-sided adhesive tape is used for initial attachment.
The processing is performed at room temperature outside the clean room in a very
low-cost process. There are many potential applications for such heterogeneous
nanowire electrode arrays on paper such as for chemical and biological sensing or
for energy applications (e.g. supercapacitors, battery). To demonstrate one such
viable application, we demonstrate its use as flexible electrodes for the recording of
electrocardiogram (ECG) signals. Typically, wet gel adhesives are needed for ECG
recording, which make them inconvenient for long term monitoring. However, the
high surface area and low impedance of the proposed paper-based electrodes facilitates ease of recording even with a dry attachment to the skin. Another target
application is employing a nanowire electrode on paper as a cathode in a battery
for energy harvesting from natural acidic environments such as body fluids (gastric
juice, sweat, urine etc.). While biopotential recording and acidic battery were two
examples, there are many other applications for such nanowire electrode arrays such
as recoding and stimulation of brain or heart cells, electrochemical and biological
sensors and supercapacitors, where the proposed approach to bring nanotechnology
on paper would be very advantageous.
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Experimental
ECG recording was done on a healthy volunteer who provided informed consent for
this measurement.

Chemical and materials
In this study, Whatman chromatography paper (Sigma-Aldrich), parchment paper
(Reynolds), and photo paper (Epson) were used as a substrate. Whatman AAO
membranes with different pore sizes (20 nm and 200 nm) were supplied as templates.
Papers with smoother surfaces give higher conductivity for silver ink patterned
on them; It shows higher conductivity of the electrodes on photo paper, treated
parchment paper, and wax paper. Since these two papers are hydrophobic, the
surfaces need to be treated to make them hydrophilic for the fabrication of an
electrode. This process can be achieved using laser ablation, chemical treatment or
using oxygen plasma [151, 77]. Thin solvent-resistant double-sided tape (Mcmaster,
MA) was used for the attachment of AAO membrane to the paper. Silver ink (Ag
510, Conductive Compound, and MA) was used as a conductive material for screenprinting of electrodes. The thickness of double-sided tape affects the fabrication
process and it should be selected carefully which will be discussed in the fabrication
process section. Nickel, Copper, and platinum electroplating solutions (Technic, Inc.
USA) were purchased and used without further modification.

Fabrication process
Two methods are proposed for the fabrication of nanowire electrodes on the paper.
One approach has been detailed in Figure 4.3. First, the tape was patterned as a
positive mask by laser engraving using a laser cutter (Versa, VLS2.40) (power 40%,
speed 20%) and attached to the parchment paper, which served as a substrate (1).
Plasma treatment made the spots hydrophilic, and then silver ink was spin-coated
(5000 rpm for 60 s) on the top. The ink was cured (15 minute in 121 o C) and left
in the desiccator (30 minutes) to remove the remaining residue. At the end of this
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Figure 4.3: (a) Integrated package of read-out electronics, Arduino microcontroller
and Xbee wireless trnasmitter. (b) Output characterisic of front-end amplifier captured via Xbee wireless network.
step, interconnects and electrode pads are obtained on paper. For electrodeposition
of nanowire through pores of the AAO membrane, a conductive seed layer electrode
on top of the AAO is required. Therefore, small electrodes with a desired geometry
are patterned on the top-side of the AAO template. For this process, the Mylar
shadow mask was prepared by the laser cutter and attached to the AAO template
using Aerosol spray which is an easily removable adhesive; then either 200 nm of
the silver (NSC 3000 Magnetron sputter tool) or eutectic Gallium-Indium (Sigma
Aldrich, USA) was painted. Eutectic Gallium-Indium is a liquid metal which has
been used as a seed layer for nanowire growth in previous studies [188].
In the next step, patterned interconnects on the paper were covered and a
conductive epoxy (Norland NCA130) was screen printed on the patterned paperbased electrodes; cover of the double-sided tape was peeled off, and the AAO template with patterned electrodes was then attached on the paper; the epoxy was cured
using UV light and heat (2 hours, 80 o C) to completely cure and provide a good
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electrical connection. The size of the patterned electrodes on the paper is larger than
the size of electrodes on the AAO to provide simple alignment. We should point out
that we have used two kinds of adhesive tapes: first a single sided adhesive tape was
used as a mask for fabrication of electrodes and interconnects. Second, a doublesided tape was used to specify the zones for nanowire deposition. It was used to
cover all areas on substrate except the areas for electrodes and pads. Moreover, the
tape also serves as temporary attachment to AAO template. In essence, multiple
adhesive tapes served here as mask to define and pattern regions for interconnect,
electrode and substrate and for removal of AAO.
In a second method, which is much simpler, after first step, patterning of
double-sided tape and its plasma treatment, which is similar to the first approach,
a ∼50 µm thick silver inks was spin-coated on the paper (1000 rpm for 60 s). Then
the cover of the double-sided tape was removed and the AAO template was attached
carefully. After applying a uniform force, the attached side of the AAO template
was filled with silver ink, left in the oven (121 o C, one hour), and then placed in
the desiccator overnight to completely remove all the remaining solvents. Thickness
of the spin-coated silver ink is equal to the thickness of the double-sided tape, so
a thinner double-sided tape works better. Distance between electrodes was chosen
to be large enough to not disturb each other while force was applied. Based on
estimation, distance between the electrodes should be 10 times larger than the electrode diameter. This gap between electrodes is very typical for most applications
like electrochemical sensors [189]. In this approach, silver ink attached between paper and the AAO template was used as a seed layer electrode for electrodeposition.
There is no need for patterning the electrodes on the AAO template. An advantage
of the second approach with respect to the first approach is simplicity, robustness,
and lower cost. However, its bottleneck is the roughness of the cured silver ink as
a seed layer, which may affect the density and consistency of the nanowires. The
electrodeposition was performed using chronopotentiometry method with a current
density of 1 mA/cm2 by utilizing Potentiostat (PGSTATN12, Autolab, Mterohm)
for several hours depending on the desired length of nanowires. After electrode95

Figure 4.4: Comparison of impedance in silver and silver ink. (a) In wet state. (b)
In dry state.
position, the AAO template was etched in sodium hydroxide (20 ml, 2 M) for 1
hour. For electrodeposition and etching, the 3D-printed electrochemical cell has
been used. Figure 4.3c shows patterned nanowire electrodes on the paper. One
of the concerns in electrodeposition is the quality of the seed layer for electroplating. In the second approach we employed the cured silver ink as the seed layer.
The impedance measurement in the dry state shows 1.16 Ω over a wide range of
frequency (see Figur 4.4). The wet state demonstrates the high kinetic transport
of the silver ink electrode which is comparable with a sputtered silver electrode.
The measured impedance varies between 700 Ω to 500 Ω which is due to the ohmic
drop of a 0.1 M phosphate buffer electrolyte between the silver-ink electrode and
Ag/AgCl as a reference electrode.
The growth of nanowires with the desired length and diameter is one of the
critical design parameters in such high density nanowire electrodes on paper. In
general, varying the time of deposition or current density or the thickness of the
AAO template or the nature and type of the electrodeposited materials, or the
concentration of electrodeposition bath will control the length of nanowires in the
proposed template-assisted approach. Current density affects the quality of deposition; it should always be kept as low as possible (less than 5 mA/cm2 ) to get a
uniform electrodeposition. Here we have used a current density of 1 mA/cm2 , which
gives a deposition rate of 20 nm/minute. The thickness of Whatman AAO templates

96

are 60 µm so the maximum length of nanowire is limited to 60 µm. Electrodeposition time is the most effective parameter in controlling the length of nanowires; a
longer time would cause longer nanowires. For example, we have performed copper
electrodeposition for 1 hour, 2 hours, and 5 hours, and nanowires that resulted in
growth of nanowires of lengths of 2, 5, and 10 µm respectively. Moreover, another
parameter that controls length and morphology of nanowires is the type of material
itself. Voltage during deposition of the copper is kept very small ∼0.2 V; for nickel
it is ∼0.6 V, and for platinum it is high ∼1.5 V. These numbers were obtained empirically and the differences could be because of the different reduction potential of
plating materials and resistivity of the plating solutions, with copper solution being
the least resistive.
The second parameter in growth of nanowires is its diameter, which is limited
to the pore size of the AAO template. In this study, we used a commercial Whatman
AAO template with pore size of 20 nm and 200 nm. The SEM images in Figure 4.5a
and Figure 4.5b show nickel nanowire with these two different diameters. However,
electrodeposition of high-density nanowires on paper has some other issues which
should also be considered. Paper is quite lightweight and is not very stable during
electrodeposition, it might move physically over long deposition time. Utilizing
double-sided tape and applying uniform force with a clamp inside a custom 3Dprinted cell made paper more stable during deposition in our experiments. In this
case, double-sided tape should be smooth and the clamp tight enough to not let
solution go through the pores of the AAO template into the unpatterned areas.
Leaking of the solution into the unpatterned area reduces the electrodeposition rate
but will not stop the nanowire growth. It is also better to use solvent resistant tape
to increase the stability and lifetime of tape in solution. Another issue, which may
also be problematic, is the unwanted soaking of the paper from the solution even
in areas where there are no electrodes. Using hydrophobic paper like a parchment
paper, wax paper, or photography paper could solve this problem. Another solution
is to use wax printing to form a hydrophobic channel around the electrodes, which
will limit the flow of the solution only in the hydrophillic areas. Details can be found
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Figure 4.5: SEM images of high-density nanowires on paper. (a) Nickel nanowires
with diameter of 200 nm. (b) Nickel nanowires with diameter of 20 nm. (c) Copper
nanowires with diameter of 20 nm. (d) Platinum nanowires with diameter of 20 nm.
in previous studies [145, 190].

4.2.2

Electrode characterization

For the physical characterization of nanowires, scanning electron microscopy (SEM)
and Energy-dispersive X-ray spectroscopy (EDS) have been used. SEM images of
nanowire electrodes were acquired using FESEM ultra55 (12 kV) to determine the
structural features of the fabricated nanowires on the paper substrate. Samples were
mounted on the aluminum stubs using conductive carbon paint. As shown in Figure
4.5, we successfully grew nickel nanowires (Figure 4.5a, b), copper nanowires (Figure
4.5c) and platinum nanowires (Figure 4.5d). Figure 4.5a, b show nickel nanowires
with diameters of 200 nm and 20 nm. Copper nanowires with length of more than
10 µm are achieved (Figure 4.5c). We used EDS for investigation of the nanowires
composition. The electron beam from SEM tools excited the sample and an X-ray
spectrum emitted by the sample was obtained using the X-ray detector. Results of
EDS analysis for nickel, copper and platinum high-density nanowires are shown in
Figure 4.6.
The high surface area of nanowires, which is another unique aspect of highdensity nanowires, is confirmed by measuring impedance of the electrode-electrolyte
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Figure 4.6: EDS analysis of different types of nanowire on paper. (a) Copper
nanowire. (b) Platinum nanowire (c) Nickel nanowire.
interface. A high-density nanowire electrode with a diameter of 2.4 cm and Ag/AgCl
served as an anode and cathode respectively. A phosphate buffer solution with pH
of 7.4 was used as an electrolyte and a LCR Meter (Agilent E4980A) was utilized
for the measurement of the impedance spectra (Figure 4.7e). An impedance model
of the electrode-electrolyte interface is shown in Figure 4.7. Based on the model,
charge transfer resistance and double layer capacitance are the dominant variable
parameters at the low and intermediate frequency range respectively. Solution resistance and interconnect resistance, which are the two constants play a significant role
only at very high frequency. Since in the buffer electrolyte there is negligible charge
transfer, effect of its resistance is also insignificant. Moreover, the buffer electrolyte
is chosen to be highly conductive. Therefore the most useful frequency range for
surface area information is the intermediate frequency (500 Hz 2 MHz). The Bode
plot shows that the impedance magnitude reduces when a nanowire electrode is
used (see Figure 4.7a). The X-axis intercept in the Nyquist plot shows ∼1000 O for
both electrodes which refers to the resistance of the solution and the interconnect
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Figure 4.7: Impedance measurement of copper bare electrode and copper nanowire
electrodes both on paper. (a) Bode plot magnitude. (b) Bode plot phase.
(c) Nyquist plot of nanowire electrode. (d) Nyquist plot of bare electrode. (e)
Impedance measurement test set up. (f) Impedance model where RC, RCT, CD,
and RS are interconnect resistance, charge transfer resistance, double layer capacitance and electrolyte solution resistance respectively.
combined. When frequency goes higher than 2 MHz, the impedance in the nanowirebased electrode becomes less than that of the bare electrode because of the higher
double layer capacitance (CD) resulting from its higher surface area. Impedance
model analysis shows significant enhancement of the surface area in nanowire-based
electrode. From an application point of view, the platinum nanowire is a strong electrocatalyst metal and is used for numerous electrochemical sensors. [191, 192] Since
biodegradable cellulose papers have recently been discovered, growth of nanowire
on the paper using biocompatible materials provides the opportunity of using these

100

Figure 4.8: Fabrication procedure of the modified electrode. (12) laser-pattern tape
to act as a mask; (3) spin coat ag; (4) remove tape; (5) electrodeposition of ni on
electrodes.
high quality electrodes in implantable devices. Moreover, platinum is an inert metal
and it can be used for long term monitoring, utilizing the high conductivity and
electrical transport of nanowires along with wearability of the paper, making it
an appropriate electrode for ECG. This will be discussed in Electrocardiography
section.

4.2.3

Nano-microparticles on paper

Here we suggest a potential of cellulosic paper as an ideal substrate for battery
electrodes. The inherent porosity of paper is exploited for electrodeposition of metal
through these pores creating nanoparticulate structural coating for very high surface
area double-sided electrodes. While paper itself provides increased surface area
due to surface roughness, nanoparticle deposition through pores increases it even
further. This electrode forms two terminals of a capacitor with gel electrolyte as a
dielectric between them forming an electronic double-layer supercapacitor. Use of
paper and gel-based electrolyte provides flexibility to this supercapacitor facilitating
widespread use.
The entire fabrication process is detailed in Figure 4.8. First, the stencil is
patterned on regular tape (3M MagicTape) by laser ablation in the shape of the
electrode. Second, silver ink (Ag510, Conductive compound, MA) is spin coated on
the paper covered by patterned tape at 5000 rpm for 60 s. The ink is then allowed
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Figure 4.9: Modified paper-based electrode with sem image of electrodeposited nickel
particles through its pores.
to cure at 70 o C for 3 hours. At the next step, nickel particles are deposited through
pores of the paper using constant current electrodeposition with current density of
4 mA/cm2 . Removing the mask tape leaves two-sided electrodes with high surface
area due to micro- and nano- particle deposition in addition to inherent surface
roughness of the paper substrate. Fabricated electrode and SEM image of microparticles is shown in Figure 4.9.
Characterization of Electrodes
SEM image of electrode shows electrodeposited particles through pores on
the paper. To demonstrate the effect of nickel micro and nano particles which are
electrodeposited through pores on the paper, impedance of the novel electrodes with
and without particles was measured with respect to Ag/AgCl in buffer electrolyte
solution. The measurements shows impedance reduction of greater than 4 percent
compared to bare silver electrodes on paper. The bode-plot of impedance is shown
in Figure 4.10. The baseline impedance for bare electrode and modified electrode
is 1210 Ω and 1170 Ω respectively. These numbers can be improved with further
optimization. For example, by utilizing papers with high porosity and by adjusting
the parameters of electrodeposition, one can expect over (50%) improvement in
electrode impedance.
Here, a novel lightweight and biocompatible paper-based supercapacitor is
presented for powering point of care diagnostic devices and sensors. It utilizes the
the rough texture of a paper based substrate and its inherent porosity to create a
very high surface area double-side electrodes. The porosity of the paper is exploited
to perform electrodeposition of silver through pores on the papers resulting in microand nano-particle modification of the electrodes. Both of these features increase the
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Figure 4.10: Impedance measurement using bode plot of modified electrode with
particle deposition and bare silver electrode on paper.(a) Magnitude plot. (b) Phase
plot.
overall surface area of the electrode. Characterization of electrodes using SEM image
and impedance measurement showed higher surface area in electrodes. Utilizing a
gel-based electrolyte as a dielectric, a flexible supercapacitor is presented. The device
shows 10 F capacitance with 6 mΩ series resistance indicating considerable energy
capacity with low inherent power dissipation (loss). We believe that the performance
of the supercapacitor can be improved even further by using high porosity paper
and optimizing the conditions for electrodeposition. Since the fabrication of the
supercapacitor presented here does not require expensive materials and processing,
it is highly suitable for a variety of applications. For example, the proposed electrode
can be used as a high surface area electrode for electro-analytical sensors and as
temporary storage of power in implantable devices.

Applications
4.3

Energy source

Harvesting energy from natural acidic environments such as body fluids such as
sweat, urine, gastric juice forms the basis of the proposed battery. Recently, we
proposed energy harvesting from gastric juice in the digestive tract. This battery
is essentially a galvanic cell in which an electroactive metal like zinc oxidizes and
generates electrons. The generated electrons are used for reduction of hydrogen ions
coming from the acidic environment. In this study, we replace the traditional cath-
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Figure 4.11: Energy harvesting results using nanowire electrode on paper as a cathode, and simulated gastric juice as an electrolyte (a) structure of the battery. (b)
Transient response. (c) Output voltage. (d) Output power.
ode electrode with a high-density nanowire electrode. Zinc and platinum nanowire
electrode served as an anode and cathode respectively. For fabrication, two silver
electrodes were patterned on paper using a screen-printing approach. Then zinc was
electroplated on one electrode as the anode, and then a nanowire electrode was fabricated using the previously mentioned approach. Nafion (5 ml) was dropped on the
cathode and left to dry overnight at room temperature. We have characterized device using a simulated gastric acidic solution with background contaminants, made
using SIF powder (Biorelevent, Surrey, UK), and NaCl (400 mg) in DI water (200
mL), and pH was adjusted to 1.6 using hydrochloric acid (which models the gastric
environment pH ranges from 1 to 3). Filter paper was soaked in gastric juice and
attached to the paper on which electrodes were fabricated. The open load voltage
is 0.84 V (see Figure 4.11b). Maximum power of 6.3 mW with 32 mA current was
achieved for a 6 Ω load impedance (see Figure 4.11c,d), and this reveals that the
internal resistance of the battery (∼6 Ω) is improved considerably with respect to
the previous work. One can envision utilizing this battery as part of an ingestible
pill for smart drug dosage.
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4.4

Electrocardiography

Cardiovascular diseases are the leading cause of the death in the world [193]. One
could manage chronic heart conditions by continuous monitoring of electrocardiogram (ECG) activity. Development of an electrode and device for long term ECG
monitoring is therefore essential to monitor heart activity in at-risk patients. The
electrodes that interface with the skin are a very important part of such a device
to monitor the hearts electrical activity. However, current ECG electrodes typically
used for these applications are made from Ag/AgCl with a gel electrolyte interface.
It has a tendency to dry up over time and also degrades considerably due to sweat
and motion; this consequently affects the quality of the signal received from the
heart [194]. Moreover wet electrodes are uncomfortable for the patients since direct skin contact is necessary at all times. Recently, dry ECG electrodes have been
reported as a promising approach for replacement of wet ECG electrodes because
they can facilitate long term monitoring with little inconvenience to the patient
[194, 195, 196, 197]. However, dry electrodes are very sensitive to motion artifacts
and poor contact with skin and limited biocompatibility restrict their utility. In
this study we have proposed wearable and flexible paper-based nanowire electrode
as a viable dry ECG electrode for long term ECG monitoring. Circular ECG electrodes with a diameter of 10 mm were fabricated according to the aforementioned
fabrication process. Conceptual demonstration of high-density nanowire electrode
on skin as a dry ECG patch is shown in Figure 4.13a. For the evaluation of the ECG
electrode, we have used a 3-electrode setup: Two nanowire electrodes on paper were
connected to the left and right arm, and one regular screen printed silver electrode
was connected to left leg as it is shown in Figure 4.12a.
Since the electrical signal is very small and noisy, amplification and filtering is
required. In general, one of the main reasons of noise in ECG measurement especially
with dry electrode is electrode-contact variation due to motion and respiration.
There are different approaches to solve this problem such as using high pass filter
with cut off frequency of ∼1Hz which is effective for motion cancelation. However,
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Figure 4.12: (a) ECG measurement methodology. (b) Schematic of electronic readout for recording of ECG signal.
design of these elements was not the focus of this research article and can be found
elsewhere [198, 144], The electrical circuit composed of mentioned components is
implemented on a printed circuit board (PCB) using the circuit topology previously
discussed. Details are explained in Figure 4.12b. Flexibility and easy attachment of
the nanowire on paper electrode using a double-sided tape on the human body will
make for a very easy method to interface the electrode system for obtaining these
measurements. As mentioned earlier, a critical aspect to receive a high fidelity ECG
signal is a good contact between electrodes and skin. The electrode-skin contact
impedance has been measured to characterize the proposed ECG electrode. For
the measurement of the impedance interface, the configuration which is shown in
Figure 4.13bi was used based on an approach proposed in previous studies.57 In
this set up, 3 electrodes (A, B, and C) were attached to the skin. Electrode B is
the main electrode, which is addressable for the measuring of its contact impedance
with skin. Current in the range of 1-20 muA (using a function generator and Rext)
is applied to electrode A while B and C are in open load. The voltage measured
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Figure 4.13: (ECG analysis using nanowire electrode on paper. (a) Conceptual
demonstration of high density nanowire electrode on skin as a dry ECG patch. (b)
Electrode-skin contact impedance measurement. (c) The recorded ECG signal from
a healthy volunteer.
between electrodes B and C (Vout) is only function of voltage drop across the tissueelectrode impedance for electrode B (Re2 = Vout/Iin). As Figure 4.13b(ii) shows,
impedance magnitude changed from 100 kΩ to 1 kΩ when frequency varied from 5
Hz to 1.5 kHz.
The recorded ECG signal using these electrodes is shown in Figure 4.13c and
Figure 4.14, Q,R,S and T waves which reflect the rapid depolarization of the right
and left ventricles are labelled on the graph. The results are very similar to those
from commercially available ECG electrodes. Moreover, since the paper is foldable
and flexible, and nanowires establish better contact in motion, the proposed ECG
electrode provides more stable measurements even in a dry state without the need
for any wet-gel adhesives.
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Figure 4.14: Recorded ECG signal for one set of electrodes in different time.

4.5

Supercapcitors

A variety of electrolytes, in liquid and solid forms can be used for fabrication of
supercapacitors. Solid electrolytes like LiF are fragile and not suitable for flexible
capacitors. Gel electrolytes are promising candidate for flexible supercapacitors [8].
For preparation of gel electrolyte, 2g PVA powder and 1g phosphoric acid was mixed
in 20 ml water and heated while it was continuously stirred. PVA acts as a separator
and phosphoric acid acts as a ionic conductor; then a thin layer of gel electrolyte
was spin coated on electrodes. Electrodes are pressed together. Thickness of gel
electrolyte affects the parasitic series resistance in supercapacitors. A thinner layer
provides lower resistance. PVA holds and bind these electrodes together.

Figure 4.15: Structure of proposed supercapacitor.
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Charactzation of paper-based supercapacitor
The supercapacitor was characterized by pulsed transient excitation. A potentiostat PGSTATN12 was used for model extraction. Supercapcitor is assumed as a
series RC circuit as shown in Figure 4.16a. Pulse voltage is applied and current
is measured. Based on theory transient response of the current is demonstrated in
equation below.
ln(i) = ln

4E
t
−
R
RC

(4.1)

where i is output current, ln (x) is the natural log of x, ∆E is pulse magnitude, R is
parasitic resistance and C is capacitance. Since ∆ E is known, R would be calculated
from first expression and C could be calculated from the t coefficient. Logarithmic
graph of the current is shown in Figure 4.16b It reveals that the supercapacitor has
a series resistor (ESR) of 6 mω resistance and a total effective capacitance of 10 F
capacitance. Total area of the supercapacitor is just 17 cm2 .

Figure 4.16: (a) Electrical model of proposed supercapacitor. (b) Transient response
for output current of super-capacitor on paper for extraction of electrical mode.

4.6

Fully integrated paper-based sensors and electronics on a four layers printed circuit board

Paper-based devices are receiving significant attention for low-cost disposable medical diagnostics in resource-poor settings. However one still needs to interface the
paper based diagnostic devices with external readout units that are sometimes bulky
and expensive, which makes them less suitable for wearable and disposable applications. In this section I report a novel miniaturized and low cost integrated sensor
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platform on paper substrates for monitoring wound oxygenation, one of the critical
parameters for wound healing. The device also contains a 4 layer multi-purpose
printed circuit board (PCB) integrated along with sensor on the same paper substrate.
Fabrication of sensors on paper substrates are receiving significant attentions
but interface of those sensors with read-out electronics are still challenging and
make the entire platform bulky and expensive. Recently, integration of sensors with
portable read-out electronics for low cost diagnostic is investigated, but utilizing such
bulky tools and integration will not be practical for wound dressing application.
Sample injection from the wound to sensors and blood separation is other
required component in paper-based devices. Microfluidic structures on paper-based
devices would be a potential solution which has recently been heavily studied.5 Wax
printing on hydrophilic paper and laser or plasma treatment on hydrophobic paper
is such introduced microfluidic approaches.
Integration of paper-based sensors, electronics and microfluidic in a compact
structure which is compatible with low-cost process has not been established. In
this study we have proposed a smart integrated paper-based platform which brings
together multiple chemical and physical sensing along with electronics readout and
microfluidic for sample injection at wound microenvironment to improve the outcome. Four layers costume printed circuit board is fabricated on paper: sensors
are implemented on the bottom layer and electronics read-out is assembled on top
layers. Sensors and electronics are connected easily with via. Simple microfluidic
platform for injection and blood filtration added in layer next to the wound. The
proposed integrated paper-based platform could be used for all other point-of-care
paper-based diagnostics due to its low-cost and simplicity.
The device three dimensional rendering is shown in Figure 4.17. As it is
shown, paper-based microfluidic for injection of wound liquid, sensors and read-out
electronics all implemented on paper and integrated as a single smart platform. Two
pieces of paper were used for implementation of the four layers of a PCB.
Read-out electronics, sensor and microfluidic are assembled in first and sec110

Figure 4.17: Schematic of four layers paper-based PCB integrated.
ond piece of the paper. Interconnects and foot-print of surface mount components
were patterned on the top and backside of the first piece of the paper. Sensor is
implemented on the back side of the second piece of paper. Power and ground lines
are patterned on the inside surfaces. Double-sided tape is used to attach the papers to one another and can be extended to multiple layers. In the bottom layer
microfluidic channel are implemented using wax printing.

Microfluidics on paper
One of the problems in monitoring wound microenvironment is attachment of sensor directly with wound environment because of sensor degradation, inconvenience,
and biocompatibility issue of sensors at some cases. Injection of wound fluid to
sensing zone using separate layer of microfluidic could be employed as a promising
approach regardless of wound size. Paper based microfluidic is introduced and used
in different platform these days.6, 8-11 wax printing and photolithography are two
examples for creating the hydrophobic barrier on hydrophilic papers. This platform
has been used for different application on point of care diagnostic such as optical
and electrochemical sensors. Microfluidic inlet is in touch with the wound cite and
was wicked toward the sensing zone.
For preparation of printed circuit board for surface mount electronics. First,
read-out electronics were designed on altium designer in two layer. After preparation
of design layout, it was converted to another graphical software format (.dxf). Then
111

Figure 4.18: Microfabricated fully integrated device. (a) Top layer without electronics components. (b) Top printed circuit layer with electronic components. (c)
Bottom layer for sensors (without membrane). (d) SEM image of via.
one of the following option in (a) or (b) was performed. (a) A simple shadow mask
was printed using on adhesive tape using laser cutter (Versa VLS2.40) (power 40%,
speed 20%), then the patterned tape was attached to the paper; a small through
hole was created on the circles for vias using any sharp needle or laser source. Silver
ink was spin coated and cured (5 hours, 60 ◦ C). Interconnects, footprint of electronic
component and electrodes were defined by peeling off the patterned tape. Off-theshelf operational amplifiers (LMP91000) were surface mounted using conductive
epoxy (NCA 130, Norland, USA). (b) Copper adhesive foil was patterned using
laser cutter (Versa VLS2.40) (power 40%, speed 20%), based on negative mask of
graphical design. Using option (b) provide the soldering possibility for attachment
of the electronics components. Moreover copper as a inert and good conductive
metal increase the life time of the printed circuit board as it is used on common
printed circuit board technology. But option (a) is more scalable since it should be
used for implementation of the sensors as well. As an example a four layer PCB
integrated with electrochemical oxygen sensor is shown in Figure 4.18. Second piece
of the paper was used for implementation of sensors. Microfluidic channel were also
prepared based on approach presented in a first section.
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4.7

Conclusions

In conclusion, in this chapter we presented a simple platform that improve the quality of current paper-based electronics for diagnostics application. First, nanowires
and nanoparticles are deposited on paper substrate. A simple room-temperature
approach proposed to grow and pattern high-density nanowire electrodes on paper
substrates. This is a first time that electrodepoistion of nanowires patterning has
been performed on paper substrates. The approach we presented is significant for
its low cost through primary use of cheap raw materials (paper, adhesive tapes)
in a room-temperature process. The approach also enables different nanowire electrodes on the same paper substrate. This has enabled one to bring the advantage
of nanotechnology to paper based diagnostics. For proof of concept, different types
of metal nanowires with different lengths were grown on paper substrates and successfully characterized using SEM and EDS measurements. The approach utilized
electrodeposition of nanowires through nanoporous template on conductive electrodes that were printed and patterned on paper. Initial electrode pattern which
serves as a seed layer for electrodeposition is made either from a eutectic alloy of
Gallium-Indium or sputtered silver or conductive silver ink. It uses double-sided
adhesive tape for patterning and release in a benchtop room-temperature approach.
The nanowires on paper electrodes provide very high surface area and low electrode
impedance making it suitable for a wide range of applications. We showed that this
electrode could be a viable dry alternative to wet gel electrodes for recording of
the electrocardiogram (ECG) signal. Impedance between skin and an electrode was
measured and it varied from 100 kΩ to 1 kΩ when frequency was swept from 5 Hz
to 1.5 kHz, and was found to be comparable to the values found in the literature
for a good quality electrode. In another application, we utilized nanowire electrode
on paper as a cathode in an acidic battery and it provided a significant amount of
power around 6 mW which can be employed for powering an endoscopy capsule.
Beyond these applications, the proposed approach for fabrication of nanowire electrodes on paper opens other opportunities that bring the promise of nanomaterials
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and nanotechnology to paper-based devices while also keeping the advantages of
low-cost and ease of fabrication for paper-based platforms.
In another platform nanoparticles also deposited though the pores of the
papers and porous paper was utilized as template and substrate for electrodeposition
of conductive particles. This platform has a potential application to enhance the
catalytic effect of the chemical and biological paper-based sensors. Such examples
include realization of chemical and biological sensors, electrodes for supercapacitors
and batteries and environmental applications. at the end, four layer printed circuit
board was proposed for integration of paper-based sensors and electronics in a single
platform.
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Chapter 5

Thread based microfluidics,
sensors, and electronics for
medical and life sciences
Implantable diagnostic devices (IDDs) and smart wearable systems (SWSs) that
are capable of in situ sample collection and integration with the complex 3D structure of biological tissues offer significant opportunities for diagnosing and treating
diseases. Recent technological advances in the miniaturization of sensors and fabrication of smart materials have progressively changed the landscape of healthcare by
providing the ability to develop devices that can continuously monitor the patient’s
health status [199, 200, 201, 202]. Examples of such devices are electrocardiogram
electrodes, temperature, pH sensors, and flexible batteries that have been used for
real-time health monitoring [203, 204, 205, 206, 207, 208, 209]. Development of such
devices require overcoming the challenges associated with the mismatch between the
mechanical and topographical properties of semiconductor-based electronics and biological tissues. Flexibility and biocompatibility are other key characteristics needed
for devices in these applications. Materials such as polyimide [210] and parylene
[211] have been extensively used as substrates for IDDs and SWSs. However, device
microfabrication on such materials is expensive and requires clean room facilities
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and specialized expertise. Paper has also emerged as a promising substrate for
implantable devices and wearable electronics because of its universal availability,
low-cost, environmental friendliness, and ease of fabrication [212, 213, 214]. Several
paper-based platforms have been recently developed for lateral flow immunoassays
[215, 216], the detection of DNA or proteins [217], and electrochemical biosensing [218, 219]. Recently, nanofibrous polymeric substrates have been developed to
fabricate elastic and flexible electronics that can be sutured [201]. The fibrous microstructure of the substrate enabled gas and liquid permeation and promoted the
ability to pattern electrodes on them. While these substrates hold great promise
for making wearable and implantable devices, their overall structure and form has
remained essentially two-dimensional, limiting their function to tissue surfaces such
as skin. However, the ability to integrate functional components such as sensors,
actuators, and electronics in a way that they penetrate multiple layers of tissues in a
3D topology would be a significant surgical advance. For example, wound fractures
and orthopedic implants, which have complex 3D structures, would greatly benefit
from the implantation of physical (e.g. strain) and chemical (e.g. pH) sensors that
can monitor the local tissue environment and provide valuable information to optimize patient-specific treatments. IDDs and SWSs can also benefit from a system
that enables delivering body fluids from different parts of a tissue or from different
tissues to the sensing elements. Such system that can acquire complex sensing information distributed in space and time can provide more useful information about
the function of an individual organ. Microfluidic systems are promising platforms
that allow manipulating minute amounts of liquid (∼nL) in small footprints [220].
Ability to fashion microfluidic networks for spatio-temporal chemical analysis in a
tissue or organ environment in 3D is therefore needed. Microfluidic systems with
integrated sensors have been widely used for performing molecular assays on blood
samples [221], capturing circulating tumor cells [222], and detecting cancer specific
biomarkers [223]. However, these systems are mainly limited to planar structures,
and are able to transport liquid over small distances. The overarching goals of this
paper is to develop a thread-based diagnostic (TDD) device with integrated sen116

sors, electronics and microfluidics network that addresses these challenges for next
generation of IDDs and SWSs. Threads are thin and flexible materials that can
be formed into complex shapes using well-known textile methods. Threads can be
made from low-cost natural materials such as cotton and silk or synthetic biomaterials at a large-scale using well-known spinning processes [224]. The mechanical and
degradation properties of threads can be modified by changing the material composition [225]. Such properties make threads excellent choice for developing IDDs and
SWSs. Threads also have the potential for complex 3D physiochemical analysis due
to the ability to suture them in three dimensions through multiple layers of tissue.
They can be used as microfluidic channels for injection and delivery of analytes by
exploiting the natural capillary action similar to paper based microfluidic devices
[226, 227]. The ability of a thread to be formed into an arbitrary 3D structure
provides natural 3D microfluidic channels that along with thread-based sensors and
electronics can provide a 3D analytical platform. From the fabrication standpoint,
screen-printing and stamp transferring methods are common approaches used for
the implementation of electrodes on planar substrates for examples, and even for
tattoos on the body [228, 229]. In the screen-printing method, the size of the electrodes depends on the feature size on the stencil or shadow mask, but the design
of small features on the shadow mask is complicated and expensive. The stamp
method faces similar limitations. However, threads have no such limitations; they
are available in numerous diameters, and micro-patterning of thread-based devices
using current textile technology such as sewing, knitting, and embroidering facilitates the scalability of thread-based devices in size and possible applications. Our
thread-based diagnostic device (TDD) is based on the use of functional threads or
fibers as building blocks, which are inherently flexible and can be fashioned on any
flexible substrate, or sutured into any biological tissues in an arbitrary 3D geometric
form. We propose the fabrication of threads with different physical, chemical and
biological functions, to serve as sensors, microfluidics and electronics and integrated
as TDD for the first time (Figure 5.1). Hydrophilic threads were embroidered onto
a highly hydrophobic woven fabric to pattern microchannels for controlled delivery
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Figure 5.1: Concept of a thread-based diagnostic device (TDD) with integrated
physical and chemical sensors and microfluidic system implemented here for monitoring wound condition as one example.
of body fluids to the sensing zones. Conductive threads infused with nanomaterials
such as carbon nanotubes, carbon nanopowder, polyaniline and their combination
were used as thread-based electrodes for the measurement of glucose, pH, temperature, and strain in vitro and in vivo as representative physiological properties. Outputs of the sensors were connected to read-out electronics on a different layer, which
consisted of electronics for signal processing and wireless communication to smart
phone or a computer using conductive threads as interconnects. While prior studies
with thread as a substrate focused exclusively on one aspect such as microfluidics or
sensors [226, 230] with a single thread type and for ex-vivo low cost diagnostic applications, we demonstrate an integrated TDD platform for implantable applications
with a diverse array of custom designed nano-infused threads featuring multiple
chemical and physical sensors, interconnects as well as a microfluidic network.
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5.1

Fabrication of functional threads

Physical and chemical sensors, microfluidic network, and interconnects are three
components of envisioned 3D TDD platform for intimate integration. Functional
threads such conductive threads, nano-infused threads and hydrophilic threads serve
building blocks for realization of these components. Electrodes, which are the key
constituents of any chemical and physical sensors, were fabricated by passing the
core cotton threads through multiple wells containing conductive inks sequentially
(Figure 5.2a). Such device was previously developed by our group to coat cell-laden
hydrogels on suturing threads [231]. Conductive inks explored in this work include
silver/silver chloride, carbon, carbon nanotubes (CNTs), and poly aniline (PANI)
prepared as described in experimental section (Figure 5.2b-h). A dryer was utilized
to cure the coating layer on the thread whenever needed. Additionally, an ultra
violet (UV) light was used for sterilization in animal studies. Image of the setup
is shown in Figure 5.3, colorful dyes is added for better visualization. Meters of
functionalized threads were fabricated using the proposed manufacturing method
and collected on rotating spools (Figure 5.2b, c, f).
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Figure 5.2: Fabrication of functional threads. (a) Schematic of the coating system
for preparation of conductive threads. (b) SEM image of the cotton raw thread
(c) SEM image of nano-infused thread coated with CNTs. (d-f) SEM images of the
surface of PANI, Carbon, and Carbon/PANI coated threads. (g) Pattern conductive
threads as interconnects on a woolen fabric to illuminate a LED. (h) Embroidered
hydrophilic threads on a hydrophobic fabric after green dye infused. (i) Hydrophobic
threads repelling water. Green food dye was used for clarity.
For strain sensors, nano-infused threads were made from coating of CNT
and polydimethylsiloxane (PDMS) layers on elastic threads (polyurethane (PU)
threads). The use of PDMS enhanced the mechanical integrity of the conductive
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layer and reduced the occurrence of delamination. For pH sensors, working electrode
was made from nano-infused threads coated with carbon and PANI, and reference
electrode was made from silver/silver chloride (see Figure 5.4). PANI was chosen
because of its biocompatibility, high electrical conductivity, and superior stability
in electrolytes [232]. Since it has acid/base dependent oxidation states, it is an ideal
material for pH sensors. Moreover, PANI forms a thin layer with a 3D network
of interconnected nanofibrils (Figure 5.2d) that promotes its mechanical flexibility
and enhances the mechanical integrity of the coated layer. Carbon is selected because it enhances the electrochemical reactivity and promotes electron transfer due
to its unique physical and chemical structures [233]. Silver-silver chloride is a very
common reference electrode for stabilizing the voltage level of the analyte solution.
More conductive and dielectric threads are shown in Figure 5.4.

Figure 5.3: (a) Images of the setup for coating the threads. (b) Two different colorful
dyes were added for better visualization. (c) Image of setup in box with a dryer.
To demonstrate the compatibility of the fabricated conductive threads with
current textile technologies, a programmable embroidering machine (Brother PE500) was used to pattern conductive threads on a woolen fabric to illuminate a light
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Figure 5.4: (a) SEM image of thread coated with dielectric and carbon. SEM image
of thread coated with (b) carbon. (c) CNT. (d) Silver. (e) SEM image of copper
electroplated on carbon thread. (f) SEM image of platinum electroplated on carbon
thread.
emitting diode (LED) with a coin cell battery (Figure 5.2g).

5.2

Wicking properties of threads

Cotton threads commonly used in apparel industry are often coated with wax and
other additives to facilitate gliding and preventing the thread from tearing during
the textile process [234]. Despite the thin wax layer on their surface, we noticed
that the as-received threads have some wicking properties. This may be due to the
fact that the wax layer only covers a thin layer on the surface of the thread and
does not fill all the gaps between the strands. However, such fibers are indeed not
ideal for efficient wicking of liquid using capillary action. We used plasma cleaning
(50 W for 2 minute) to remove the wax layer from the fiber strands rendering them
hydrophilic. Oxygen plasma removes the wax from the thread surface and adds the
-OH bonds on the surface of the thread, which makes it strongly hydrophilic. On the
other hand, to make threads more hydrophobic, we dipped as-received threads into
a commercially available silicone lubricant. The water repellant material covered
the thread surface and filled the pores between the strands and blocked the liquid
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Figure 5.5: Threads as microfluidic channel for liquid delivery. (a) Sewed thread on
transparent sheet (PET) without dye. (b) Optical image of the network when different dyes were applied. (c) Optical image of the network when dye was completely
wicked. Optical image of the multiplexed sewed cotton threads on a woven fabric
(d) without dye and (b) when dye is applied. (f) Optical image of a thread-based
microfluidic system with hydrophilic and hydrophobic branches. A solution of blue
food dye was added to the hydrophilic thread for clarification.
flow. We embroidered hydrophilic threads on a hydrophobic woven fabric (Figure
5.2h) to form patterned microchannels for liquid delivery. We showed that the liquid
flowed in the patterned channels and did not wick into the water-repellent fabric
(Figure 5.5f).
The wicking property of plasma treated cotton threads was characterized by
measuring the speed of the water filling front (Figure 5.6a, b). The flow followed
the Washburn’s relationship in which the filling length is a function of square root
of time [226, 235, 236] under controlled environmental humidity (relative humidity
of 50%). It is worth noting that evaporation has a significant effect on the wicking
properties of the threads [236]. Evaporation can also affect the concentration of
the analytes and may cause errors in the results. However, for implantable devices,
where the microfluidic system is placed within the tissue, such problem becomes
less significant. We made a passive three-way microfluidic splitter by embroider-
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Figure 5.6: Threads as microfluidic channel or flow carriers. (a) Images sequences
extracted from a video illustrating the flow of a green dye in a plasma treated
cotton thread due to capillary action. (b) Wetted length as a function of square
root of time. (c) A microfluidic flow splitter embroidered on a hydrophobic fabric
for chemical sensing. (d) 3D microfluidic network pattern by sewing thread on a
PET film. Three colored fluids were wicked into the system without mixing. (e)
Closed view of the joints showing no mixing of two different fluids. (f) Wicking of
a blue dye into a thread patterned on a chicken skin.
ing plasma treated threads on a hydrophobic woven fabric (Figure 5.6c). Such a
microfluidic splitter enables delivering samples to three different sensors. In addition, we showed the ability to fabricate a topologically complex 3D microfluidic
system for transporting liquid in three dimensions by sewing hydrophilic thread in a
polyethylene terephthalate (PET) film (Figure 5.6d, e). Such system can be used to
deliver different samples on a single platform. To demonstrate the ability of threadbased microfluidic system to deliver samples in biologically relevant substrates, a
hydrophilic thread was sutured on a chicken skin (Figure 5.6f). The sample wicked
along the suture without significant leakage due to presence of a fat layer in the
chicken skin.
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5.3

Physical sensors

Physical parameters such as pressure, stress, strain and temperature are important indicators of different disease tissue conditions in the human body. Here, we
developed strain and temperature sensors as representative thread-based physical
sensors for implantable devices. The basic operation of strain sensors is based on
variation of electrical parameters such as resistance because of mechanical deformation. Gauge factor (GF) relative change in electrical resistance due to a mechanical
strain, response time, and maximum detectable strain are the critical parameters
for the evaluation of strain sensors. A typical gauge factor and maximum strain in
conventional strain sensors are ∼2 and ∼5%, respectively [237]. Strain sensors were
fabricated from PU threads coated with carbon ink and CNTs. Such materials are
biocompatible and have been extensively used for the fabrication of strain sensors
[209, 238, 239] and suggested as promising candidates due to their high elasticity
and sensitivity [209, 86]). PU is a thermoplastic that can be chemically activated
when plasma treated. We observed that conductive threads made from PU have
superior conductivity compared to other types of elastic threads. Carbon ink and
CNTs which were functionalized with carboxylic groups were bounded to the plasma
treated threads using the method described previously. A thin layer of PDMS was
coated on the threads to protect the conductive layer from scratching and delaminating during cyclic stretching loads [86]. Additionally, the integrity of the system
in the sandwich structure and the strong adhesion between CNTs and the two elastic
layers prevented buckling and fracture of CNTs, providing excellent linearity and
elasticity. The stretchable conductive threads were then embroidered on a woven
construct and connected to an electronic readout using Ag/AgCl conductive threads
(Figure 5.7a). Figure 5.7b and 5.7c show SEM images of the uncoated and conductive threads respectively. The conductive particles covered most of the surface of
the thread and infiltrated into its pores, and created interconnected conductive materials. Although some of the particles are attached to the outer layer, most of
them were attached to the core thread, preventing them from breaking during large
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Figure 5.7: Thread-based strain sensor. (a) Embroidered strain sensor and interconnected wirings on a woven fabric. SEM images of (b) the uncoated stretchable
thread, (c) thread coated with CNT (inset shows higher magnification of the highlighted area), and (d) the sandwich structure of the PU-CNT-PDMS. (e) Optical
images showing the setup used for stretching the sample (inset shows a close view
of the setup under testing condition). Variation of relative resistance as a function
of strain for threads coated with (f) carbon ink and (g) CNT.
strains. Figure 5.7d illustrates the sandwich structure of the CNT between the PU
thread and PDMS, confirming complete coverage of the surface. Moreover, PDMS
as a dielectric material plays an important role in isolating the conductive thread
from other wirings in the system.
To evaluate the performance of the strain sensors, they were stretched at a
constant rate (0.1 mm/min) with an Instron tensile machine (Figure 5.7e). Strain
gauges registered linear changes in electrical resistance when the sensor was stretched.
Figure 5.7f and Figure 5.7g show the variation in the relative resistance versus strain
for threads coated with carbon ink and CNTs, respectively. Results indicate that
strain sensors made from CNTs were capable of measuring higher strains (up to
100%, GF 3) compared to those made from carbon ink (strains up to 8%, GF∼2).
This is due to the fact that CNTs possess higher deformability compared to carbon
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Figure 5.8: Temperature sensor (a) Optical image (b) Calibration plot.
nanoparticle due to their fibrous structure [209]. CNTs also offer faster response
times and lower creep [209]. Another important marker for monitoring body health
is temperature, as temperature variations can be an indicator of inflammation or
bacterial infection [240]. Moreover, temperature measurement is crucial for precise
sensing in integrated systems as most of the chemical and physical biosensors are
temperature dependent. Nickel and platinum are the best materials among readily
available metals that provide a linear temperature-resistance coefficient. However,
coating the threads with such materials using inexpensive methods is not feasible.
Here, we used CNT-coated threads. Forty centimeters of the threads were embroidered in a meandering zig-zag pattern on a woven fabric. Such a pattern provided
an electrical resistance of 100 Ω in a small footprint (Figure 5.98). Figure 5.8a shows
a linear change in resistance for temperatures ranging from 20-50 o C, which is in
the biological range.

5.4

Chemical sensors

pH is one of the most important parameters in the body and is an established indicator of health. Almost all biochemical processes in the body are affected by pH. For
example, the pH of the wound is an indication of the wound condition and can be
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correlated to angiogenesis, protease activity, and bacterial infection [241, 242]. Healing process occurs more readily in an acidic environment; however, extremely acidic
pH values can represent a bacterial infection [241]. Thus, monitoring surface pH
may provide a method for measuring the condition of the wound bed and ultimately
enables determining the wounds response to treatment. Additionally, gastric pH
measurement is essential for diagnosis of gastrointestinal diseases such as inflammatory bowel and gastroesophageal reflux diseases or infection from Helicobacter pylori
[243, 244, 245]. Here, we present a thread-based pH sensor consisting of conductive
threads and a microfluidic splitter with three channels for delivery of sample to the
sensing chambers (Figure 5.9a, b). The microfluidic splitter was fabricated by patterning hydrophilic threads on a hydrophobic woven fabric. For pH measurements,
a potentiometric approach was used. In this method, the open circuit potential
of a working electrode was measured with respect to a reference electrode. CNT
coated with doped PANI and silver/silver-chloride threads served as working and
reference electrodes respectively. Conductivity and charge accumulation on working
electrode changes based on the protonation and deprotonation of doped PANI in
solutions with different pH values. The output voltage correlates to the pH value
according to the Nernst equation: E=E0 -(KT/e)pH, where E0 is the standard reduction potential of hydrogen with respect to the reference electrode Ag/AgCl, e is
the electron charge and K and T are the Boltzmann constant and the temperature,
respectively.
The pH was measured in various buffer solutions with pH values ranging
from 4 to 8. All the solutions were prepared using hydrochloric acid and sodium
hydroxide in PBS. This range covers the physiological pH that occurs in the body.
Before measurements, each sensor was immersed in pure water to ensure similar
starting conditions. The pH of the solution was independently measured using a
pH meter (Benchtop pH / MV Meter - 860031). A hydrophilic thread was used
to deliver the liquid sample from a buffer solution reservoir to the microfluidic system. The thread was passed through a chicken skin to mimic the subcutaneous
measurements; results demonstrate confinement of biological fluids in thread-based
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microfluidic channel without significant leakage in the chicken fat (Figure 5.9c).
Recorded data was sent to a desktop computer wirelessly (Figure 5.9d). Figure
5.9e shows the stability of the pH measurement at different acidic/basic conditions.
Rapid response time (¡30s) was achieved as the signal was stabilized in few seconds
after changing the pH. The voltage was linearly dependent on the pH value with the
slope of -72.03 mV/pH, which exhibits near-ideal Nernstian behavior (Figure 5.10f).
To assess the long-term signal stability, voltage drop was measured in a solution with
a pH of 7.9 for 4 hrs. A 2.5 mV/hr. drift was observed, indicating the high stability of the fabricated pH sensors (Figure 5.9g). The concentration of glucose is
an important indicator of diabetes and has to be tightly monitored for the management of this disease. The ability to monitor the glucose level in vivo over a long
period of time enables intensive control of blood glucose concentrations in diabetic
patients. Additionally, such long-lasting implantable sensors reduce the frequency
of implantation and replacement, which can lead to less discomfort for patients.
Measuring glucose on thread-based sensors is a promising platform for long-term
monitoring of the glucose level as threads can be implanted in the body with minimum invasiveness. Here, we developed an amperometric glucose sensor consisted
of carbon/functionalized CNT threads (working electrode), carbon threads (counter
electrode), and Ag/AgCl threads (reference electrode). Threads were patterned on
a woven fabric as shown in Figure 5.9h. 20µL of Glucose oxidase (GOx) enzyme
solution (1mg/mL) and 2 ml of nafion (5%) were subsequently added to the working
thread. Nafion was used for immobilization of the enzyme [246]. Glucose solutions
with concentrations in the range of 2-15 mM were prepared in PBS with the pH of
7.4. Potassium ferricyanide in KCL (100mM) was added to the solution as a mediator. Chronoamperometry was used for glucose measurements. Briefly, two pulses
with voltages of 0.5 V and 0V with 50% duty cycle was applied and the output
current was measured. Figure 5.9i shows the sensor response to different concentrations of the glucose in the solution. Extremely rapid responses ( ms) were observed
with amplitude depending linearly on the glucose concentration (Figure 5.9j).
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Figure 5.9: Characterization of chemical sensors. (a-b) Optical image of multiplexed
microfluidic pH sensors assay. (c) Schematic illustration of measuring pH in an in
vitro skin model. (d) Sensing system communicating with an external computer
via a wireless system. (e) Transient response of pH sensor on different pH. (f)
Calibration plot of pH sensor. (g) Continuous pH measurement for four hours.
(h) Optical image of glucose sensor. (i) Calibration plot of the glucose sensor. (j)
Transient response of glucose sensor with different concentration in PBS solution.

5.5

In vivo evaluation of the integrated thread-based
microfluidics, sensors and Electronics

5.5.1

Integrated system

In vivo evaluation of the integrated thread-based microfluidics, sensors and electronics Integrated system A sensing patch with integrated thread-based microfluidic system and physical and chemical sensors were fabricated using the methods
explained earlier. The patch consisted of three layers: (i) physical sensors, (ii) chemical sensors, and (iii) read-out electronics. The three layers were sewed to form a
thread-based diagnostic device (TDD). Read-out electronic circuitry consisted of
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data acquisition from the sensors followed by amplification and wireless transmission of data to a cell phone or computer. A set of off-the-shelf components, Texas
Instrument LMP91200, and LMP91000 were used for measurement of the pH and
strain. For measurement of pH sensing results, output voltage of the electrodes were
attached to an ultra-low input current bias buffer amplifier. Output analog voltage
was read by Arduino microcontroller with 1 Hz sampling frequency. The data was
sent to Xbee wireless transmitter. The electronics was implemented by sewing the
circuit board on fabric. While the board itself was rigid in this initial prototype,
it was small and externally placed to not influence the sensor performance. Moreover, one can easily port the electronics onto a flexible printed circuit board using
standard approaches on polyimide substrate and even explore emerging approaches
utilizing paper/textile substrates [247, 248, 249].

5.5.2

In vivo measurements

Gastric and subcutaneous pH was measured as a representative chemical sensing.
For gastric pH measurements, the thread-based sensor was directly inserted into
the stomach using oral gavage needles as guides (Figure 5.10a,b). Subcutaneous
measurements were performed by implanting the electrodes under the skin (Figure
5.10a) or by placing them under the skin using needles (Figure 5.10a). Results
obtained from measuring pH subcutaneously and in the stomach are shown in Figure
5.10f. The pH measured under the skin was neutral and stable over one minute of
measurement (pH=7.20.1). As expected, the pH value in the stomach was highly
acidic and was fluctuating from 2 to 4 over time. Suture strain measurements were
performed on three wound conditions including (i) closed, (ii) semi-closed, and (iii)
open; mimicking the wound closure process during healing. For this measurement,
a 1cm incision was made on the back of the neck. The strain sensor was then passed
through the wound and secured with a simple knot on each side. Strain monitoring
equipment was then attached using alligator clips. For different wound conditions,
the wound site was manually closed and the strain was measured. The recorded
data was then transferred to a mobile phone wirelessly and saved for further analysis.
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Figure 5.10: In vivo measurement of pH subcutaneously and in the stomach. (a) pH
measurement in stomach. (b) pH sensor passed through a needle before subcutaneous implantation. (c) Implanted sensors connected to the patch. (d) pH readings
of the sensors in stomach and under the skin. (e) pH Sensing system communicating
with an smart phone via a Bluetooth platform. (g) In vivo measurement of strain
under three different conditions of relaxed, medium stretch, and high stretch. (h)
Measured strain signal under various wound conditions.
Figure 5.10h shows the typical values measured by this system for the wound closure
model.

5.6

Materials and Methods

Phosphate Buffer Solution (PBS), Hydrochloric acid (HCl) and Sodium hydroxide
(NaOH) were purchased from Sigma Aldrich. For preparation of the electrodes, carbon ink (E3456 Graphite Erconinc, MA, USA) and Ag/AgCl ink (AGCL-675C, Conductive Compound, Hudson, NH, USA), Functionalized Carbon nanotube (Sigma
Aldrich, USA), Polyaniline emeraldine base (Sigma Aldrich, USA) were obtained.
Polydimethylsiloxane (PDMS, Sigma Aldrich, USA) and Blue Insulator (E6165, Erconinc, MA, USA) were utilized as dielectric covers of the electrodes.
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Figure 5.11: Characterization of reference electrode with respect to commercial
reference Ag/AgCl electrode. (b) Doped PANI characterization.

Doping of PANI
PANI (emeraldine base) and hydrochloric acid was obtained from Sigma Aldrich.
PANI was doped based on procedure which was found in previous studies. 500 mg
PANI base was added in 20 ml of Hydrochloric acid (0.1 M). They were stirred in
-4 o C for 5 hours. Thread which was covered with PANI was kept in desiccator
before usage. To evaluate the doped PANI as an electrode, conductivity of doped
PANI was measured before and after doping. To perform the experiment two cotton
threads with similar length, diameter and thickness were covered by doped PANI
and emeraldine base PANI using several times dipping and drying. Then, impedance
was measured between two similar points. Result was shown in Figure 5.11b.

CNT ink
CNT functionalized with carboxylic group were purchased from Sigma Aldrich.
CNT first, premixed in IPA (2 mg/ml) and stirred by a vortex and then homogenized
in the ultrasonic bath.

Scanning electron microscopy (SEM)
SEM images were acquired re acquired using FESEM ultra55 (12 kV). The microparticles dried on paper substrate, mounted on aluminum stubs using conductive carbon
paint and sputtered for SEM analysis.
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Characterization of sensors
Characterization of strain sensor was done using micro Instron 5542 mechanical
tester (Norwood, MA, USA) with a 1kN load cell. Two ends of the thread with
a 15 mm length were connected to moving stages and uniform strain was applied
while resistance was measured using source meter (Keithley source meter 2400).
Data was acquired after output data was stabilized. pH and temperature sensing
measurement was done using customized potentiometric board using off-the shelf
components including LMP91200 as a main front-end amplifier component. For
the pH read-out, generated voltage after transmission though ultra-low noise buffer
sampled and digitized utilizing microcontroller then transmitted to XBee LilyPad
or Bluetooth low energy (BLE) wireless module, and data was collected in real time
on a smart phone or computer. BLE package for cell phon communication is shown
in Figure 5.12. Glucose sensing measurement also performed utilizing customized
printed circuit board including off the-shelf-components including TI LMP91000 as
a main components of low power potentiostat. LMP91000 applied a voltage 0.5
V to glucose sensor, takes input current from glucose sensor and generates analog
voltage as output. The output voltage similar to pH read-out after sampling and
digitization using micro controller will be sent to wireless transmitter.

5.6.1

In vivo measurement and animal protocol

The research protocol was approved and in compliance with Tufts Universitys Institutional Animal Care and Use Committee (IACUC, protocol 6= M2013-53) in
accordance with the Office of Laboratory Animal Welfare (OLAW) at the National
Institutes of Health (NIH). Briefly, animals were anesthetized using 2-3% isoflurane inhalation and the incision site shaved and cleaned with alternating povidoneidodine and ethanol scrubs. For subcutaneous pH measurements, a small incision
(¡1cm) was made and the probes inserted through the wound. Alternatively, two
18G needles were inserted under the skin and the probes fed through them, ensuring
that the ends of the two probes did not touch each other. For gastric pH measure-

134

ment, the probes were fed through two 16G oral gavage needles (Braintree Scientific)
and inserted through the mouth into the stomach. Lastly, for pH measurements of
the blood, the animals were sacrificed via thoracotomy while under anesthesia and
blood samples were taken from the heart and placed into green top blood collection
tubes containing lithium heparin (Becton Dickinson) and the pH measured.

5.7

Conclusion

We have devised an integrated thread-based diagnostic (TDD) system with the
ability to measure physical (strain and temperature) and chemical (pH and glucose)
markers in the body in vivo. Such device was made from threads, which have been
widely used in apparel industry and are readily available as a low-cost biocompatible material. The electrical and surface properties of these threads were tailored
for transporting fluids using capillary action and infused with nanomaterials for
performing electrochemical sensing using an inexpensive dipping approach. The
performance of sensors were evaluated and optimized individually. The integrated
system was used to measure pH and strain in vitro and in vivo. Our research suggests that thread-based devices can act as part of human skin or clothing or can
be implanted. Ability to suture TDD intimately with tissue or organ environment
in three dimensions adds a unique feature that is not available with other flexible diagnostic platforms. We believe that such TDD could eventually find a wide
range of applications in wound healing, smart wearable devices, and point of care
diagnostics.
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Chapter 6

Chemometric approach for
implementing highly selective
chemical sensors
Selective detection of coexisting species with similar reduction potentials using electrochemical approaches is very challenging. We employed material diversity at
working electrodes to discriminate coexisting redox species such as dopamine, ascorbic acid and serotonin using a data-driven chemometric approach that exploits the
subtle yet robust differences in characteristic CV curves for different working electrodes.We present these results using a simple and low-cost paper-based platform,
containing different electrodes made of gold, carbon nanotube with and without
nafion, reduced graphene oxide, and polyaniline with microfluidic delivery.

6.1

Introduction

Cerebral and cerebrospinal fluids contain important neurochemicalssuch as dopamine
(DA), serotonin (5-HT) and ascorbic acid (AA). Dopamine plays an important role
in the central nervous system and its secretion in the human body underlies many
diseases such as schizophrenia and Parkinson’s disease [250]. Serotonin levels also
provide important information about the regulation of sleep and are correlated with
136

depression symptoms. Ascorbic acid plays a crucial role in body metabolism and
maintenance of the immune system. Concentration of these species in the brain
is highly correlated with the amount present in blood. Thus, blood testing is viable for early and routine screening for abnormal presence of these markers. To
address this, a comprehensive approach for detection of these coexisted species is
required. However, simplicity, low-cost and portability are essential for widespread
deployment and use.

6.2

Detection approach

Optical and electrochemical methods are two common approaches for detection of
these neurotransmitters.Since optical approaches are bulky, expensive and cannot be
easily integrated into a single lab-on-chip device, electrochemical methods have been
commonly used as cheap, rapid and simple alternatives to modern separation and
spectral methods and can be easily integrated with CMOS technology. Electrochemical detection methods such as cyclic voltammetry, one of the standard laboratory
techniques, are strongly dependent on reduction-oxidation potential of the underlying species to be detected. Since the reduction-oxidation potential of these coexisted
species at bare carbon and gold electrodes are similar, selective detection of them
in complex background is challenging. Recently there has been increased effort on
modification of these electrodes to make them more selective to a single target. For
example, bare electrodes have been modified by conductive polymers, nanowires and
nanoparticles and enzymes [251, 252, 253].
The previous studies have shown excellent detection of a single target species
such as dopamine, and serotonin, but have not been used for simultaneous detection
of other electroactive species.Here,we propose an approach to improve the specificity
of electrochemical approaches without target specific modification of electrodes. The
theoretical basis of our approach relies on two principles in electrochemical sensing.
(1) The equilibrium potential depends on the electrode material and the activity of
the reactive species. Thus, different materials possess different equilibrium poten-
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tials for thesametarget. (2) Moreover, different electrode materials exhibit different
voltammetry curves for the same target due to the distinguishing affinities, kinetics
and mass transport behavior. A combination of material diversity and chemometrics has been used for selective detection of aforementioned co-existing redox species.
This approach can be applied to other electrochemical sensing applications incomplex mixtures.Carbon nanomaterials such as carbon nanotubes (CNTs) and reduced
graphene oxide (RGO)extremely used as working electrodes in electrochemical sensors. These materials enhance the electrochemical reactivity and promote the electron transfer form biomolecules and proteins given to unique physical and chemical
structures [254].Conductive polymers such as polyaniline (PANI) and polypyrrole
(PPy) are second set of the materials that provide such promising and especial
properties for sensing applications.Essentially,physical properties of the conductive
polymers change in presence of different chemicals given to theirs molecular and
macroscopic structures [255]. Conductive polymers and carbon nanomaterials have
been exploited for detection of DA, AA, and 5-HT [256, 257, 258]. Approaches
used towards advancing low-cost diagnostic and flexible electronics can be utilized
to address the other needs for system simplicity and portability [259]. Paper-based
diagnostic has recently received considerable attention for detection of a wide verity
of physical and chemical sensors in a microfluidic setup [260, 261]. Thus for, we
have implemented sensor patch on paper to bring together cost and efficiency with
selectivity and sensitivity.

6.3

Experimental section

Functionalized carbon nanotube (Sigma Aldrich, USA), Reduced graphene oxide
(Graphenea, USA), emeraldine base polyaniline (Sigma Aldrich, USA) were used as
a nanomaterials for electrode preparation. Dopamine, Ascorbic Acid, Serotonin
as chemical target species were purchased from SigmaAldrich. Sodiumchloride,
Dimethylformamide, Isopropyl alcohol was purchased from Sigma Aldrich and used
without further modification. Selection of diversity of materials is one of the im-
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portant aspects of the proposed approach. To address this issue, electrodes with
different properties have been used. Carbon electrode as a general bare electrode
that responds to most of the species was used, functionalized CNTs, and RGO with
high surface area and catalytic effect employed to increase the sensitivity and modified with nafion as a positive exchange membrane to confine it for detection of
the positive ions,and doped PANI was utilized as conductive polymer with different
catalytic effect and improved surface area. Paper-based sensors and microfluidics
have been recently realized as a low-cost platform for detection of different biomarkers and protein. Here we have exploited the paper-based electrochemical assay with
multiple working electrodes as well as reference and counter electrode. Even though,
we utilized this sensor for detection of DA, AA, 5-HT, it could be used for detection
of wide verity of species.

6.3.1

Fabrication process

Figure 6.1 shows the fabrication process for the paper-based sensing platform..
Microfluidic channels were created by wax printing on paper. First,a wax
patternwas printed on to a chromatography paper, and thenit washeated(100oC, 2
minute).Four bare electrodes were screen printed on patterned detection areas. To
do this, adhesive tape was patterned by laser engraving using a laser cutter (Versa,
VLS2.40) (power 40%, speed 20%) and was attached to the paper. Silver/silver
chloride was spin coated and cured, and then carbon was screen printed (Figure
6.2). A self-assembled monolayer was used for electrode modification. CNT/Nafion,
RGO,and doped PANIwere drop-casted on electrodes. PANI was doped using hydrochloric acid to enhance the conductivity. Functionalized CNT with carboxylic
groups was similarly used for improved conductivity and easier attachment. Large
electrodes were implemented for easy fabrication and could easily be miniaturized for
improved sensitivity in the future. Interconnects were covered with blue dielectric
ink. The tape was peeled off and leaves behind the electrodes.
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Figure 6.1: Fabrication process for the paper-based sensing platform.

6.3.2

Nanomaterial ink preparation

PANI ink was prepared according to previous studies which have been summarized
here. 500 mg emeraldine PANI base (Sigma Aldrich, USA) added in 20 ml of
Hydrochloric acid (0.1 M, Sigma Aldrich, USA). They were stirred in -4 o C for 5
hours in ice bath. SEM images before and after doping is shown in Figure 6.3a,b.
Carbon nanotube (CNT) functionalized with carboxylic group were purchased from Sigma Aldrich. CNT first, premixed in IPA (2 mg/ml) and stirred
by a vortex and then homogenized in the ultrasonic bath. Reduced graphene oxide
(Graphenea, USA) was dispersed in Dimethylformamide (Sigma Aldrich, USA) and
homogenized in the ultrasonic bath.
Tests Cyclic voltammetry as a common electrochemical approach was em-

140

Figure 6.2: Fabrication process of electrodes on paper.

Figure 6.3: Nanomaterials used in electrode fabrication. (b)Base PANI. (b) Doped
PANI. (c) Carbon ink. (d) CNT.
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Figure 6.4: Cyclic voltammogramresulting from DA detection.
CNT/Nafion. (c) PANI. (d) RGO/Nafion.

(a) Gold.(b)

ployed to show the performance of sensors. Potentiostat (Metroohm Autolab 12 N)
has been used for evaluation of the sensors.

Results and discussion
Figure 6.4 shows the cyclic voltammograms resulting from detection of DA at different working electrodes; all electrodes were seen to be sensitive to DA, albeit with
different characteristic CV response curves.
However, CNT and RGO electrodes have shown larger peaks and hysteresis
given to higher surface to volume ratio of their nano structures. Moreover the redox
potential of DA in nanomaterial is different from gold as was expected theoretically.
Ascorbic acid could be detected by gold and PANI (Figure 6.5a,b). CNT/nafion
and RGO/Nafion did not show significant sensitivity to AA because of presence of
nafion as a positive exchange membrane.
5-HT has also shown the sensitivity to gold and CNT electrodes (Figure
6.5c,d)
Even though the results were not conventionally selective, the voltammetry
plots exhibit a unique shape for different species. To use this multi-dimensional
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Figure 6.5: Cyclic voltammogramresulting from AA and 5-HT. (a) AA using gold
electrode.(b) AA using PANI electrode. (c) 5-HT using gold electrode. (b) 5-HT
using CNT electrode.

Figure 6.6: Principle component analysis (PCA) showing discrimination between
sensor responses to DA, AA.
information for the discrimination of species, we performed a principal component
analysis (PCA). In this analysis, output current for varying concentration and electrode material were considered as observations; applied voltage levels were the analysis variables ( 2000 sampled data set). Figure 6.6 shows the PCA of the sensor
response to DA and AA.Three distinct clusters with significant separation show
marked selectivity of the sensing platform.
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6.4

Conclusion

In this study, we present a chemometric approach using diversity of electrodes for
simultaneous detection of DA, 5-HT, AA on paper.Using nanomaterial such as PANI
fibers, CNT and RGO increase the sensitivity and provide different redox potential
for coexisted species.Proposed approach could be used for selective detection of wide
verity of coexisted chemical species.Analyzing different parameter such as redox
potential, scan rate, hysteresis gap provide more selectivity. Even though we used
this approach for improve selectivity of similar specie such as DA, AA, 5-HT, it
could be applied for a wide range of the chemical sensors.
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Chapter 7

Conclusion and future work
7.1

Conclusion

In this dissertation, we have proposed set of flexible sensors, electronics, and energy
source for wearable and implantable applications.
In this dissertation we have made following contributions:
• We have proposed smart and flexible wound dressing for monitoring key factors
such as temperature, strain, pH, and oxygen, in chronic wounds. The platform has the ability to treat and speed up the healing process of the chronic
wound by delivering different antibacterial and growth factors in wound using
topical drug delivery. This components are fabricated individually on polymer substrates and integrated in a compact and conformal patch made of 3D
printed materials. Another feature of the proposed smart dressing is the wireless communication that enables a real-time monitoring and treatment if it
is needed. This platform offers more This platform offers multiple attractive
features including good conformability with the skin, the ability to maintain
the skin moisture and protecting the wound from pathogens.
• A galvanic oxygen sensor with ample sensitivity (1.5 µA/%) and selectivity was
designed and fabricated on a parylene substrate. The sensor was integrated
with a current mode read-out and wireless telemetry in a compact package.
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• A potentiometric pH sensor with sufficient linearity (54 mV/pH) was proposed.
CNT/PANI and Ag/Agcl electrode served as a working electrode and reference
electrode respectively.
• We engineered a wireless topical drug delivery platform that can effectively release the required drugs and growth factors for treating skin disorders such as
chronic wounds and burns. The topical drug delivery is implemented using
thermo-responsive drug carriers infused into a hydrogel sheet, which is activated by a heaters change in temperature. Through characterization of the
heater, we have demonstrated control over when the heater activates and also
the temperature that it rises to. The heater is controlled by the driver and
Bluetooth, which can be wirelessly programmed for users convenience. Flexible components, such as the heater, hydrogel, and overall 3D casing, allow for
a conformal and wearable bandage.
• We have proposed the nano-enabled paper-based devices as low-cost wearable and
implantable devices in poor setting resources. We developed unique methods
for fabrication of nanowires and nanoparticles on paper substrates. Growth
of nanowires and nanoparticles on paper substrate bring unique properties of
nonomaterials on paper, while keep the cost efficiency, light weight , friendly
environment of paper-based devices.
• We presented a simple room-temperature approach to grow and pattern highdensity nanowire electrodes on paper substrates. This is a first time that electrodeposition of nanowires patterning has been performed on paper substrates.
The approach we presented is significant for its low cost through primary use
of cheap raw materials (paper, adhesive tapes) in a room-temperature process. The approach also enables different nanowire electrodes on the same
paper substrate.For proof of concept, different types of metal nanowires with
different lengths were grown on paper substrates and successfully characterized using SEM and EDS measurements. The approach utilized electrodeposition of nanowires through nanoporous template on conductive electrodes that
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were printed and patterned on paper. Initial electrode pattern which serves
as a seed layer for electrodeposition is made either from a eutectic alloy of
galliumindium or sputtered silver or conductive silver ink. It uses dle-sided
adhesive tape for patterning and release in a benchtop room-temperature approach. The nanowires on paper electrodes provide very high surface area and
low electrode impedance making it suitable for a wide range of applications.
We showed that this electrode could be a viable dry alternative to wet gel
electrodes for recording of the electrocardiogram (ECG) signal. Impedance
between skin and an electrode was measured and it varied from 100 k to 1 k
when frequency was swept from 5 Hz to 1.5 kHz, and was found to be comparable to the values found in the literature for a good quality electrode. In
another application, we utilized nanowire electrode on paper as a cathode in
an acidic battery and it provided a significant amount of power around 6 mW
which can be employed for powering an endoscopy capsule. Beyond these applications, the proposed approach for fabrication of nanowire electrodes on
paper opens other opportunities that bring the promise of nanomaterials and
nanotechnology to paper-based devices while also keeping the advantages of
low-cost and ease of fabrication for paper-based platforms. Such examples
include realization of chemical and biological sensors, electrodes for supercapacitors and batteries and environmental applications.
• We have devised an integrated thread-based diagnostic (TDD) system with the
ability to measure physical (strain and temperature) and chemical (pH and
glucose) markers in the body in vivo. Such device was made from threads,
which have been widely used in the apparel industry and is readily available
as a low-cost biocompatible material. The electrical and surface properties
of these threads were tailored for transporting fluids using capillary action
and infused with nanomaterials for performing electrochemical sensing using
an inexpensive dipping approach. The performance of sensors were evaluated
and optimized individually. The integrated system was used to measure pH
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and strain in vitro and in vivo. Our research suggests that TDD has a potential to act as part of human skin or clothing or can be implanted. The
ability to suture TDD intimately in a tissue or organ environment in three
dimensions adds a unique feature that is not available with other flexible diagnostic platforms. We believe that such TDD could eventually find a wide
range of applications as smart suture for surgical implants, smart bandages
to monitor wound healing, integrated with textile or fabric as personalized
health monitors and point of care diagnostics and embedded into tissue engineered constructs for organ on a chip platforms. We envision being able to
extend the approach to more than strain, pH or glucose sensors mentioned here
by functionalizing them with sensing chemistries to measure proteins, DNA
and other biomarkers directly in the tissue where it is implanted. While we
demonstrated thread based interconnects, future efforts could be in the area of
integrating other electronic components such as capacitors, diodes, transistors
on threads which will result in a true self-contained integrated platform with
unmatched size, flexibility and maneuverability. For the thread-based devices
to be used as long term implantable devices, one may need to perform additional studies on biocompatibility of the proposed cotton based threads and
its functionalized forms. The study could indicate that threads elicit immune
response when used over long term necessitating exploration of other biocompatible materials for making threads that may have a more favorable immune
response.
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