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Abstract

Wearable Medical Sensors Enabled by Printed Bioelectronics and Biophotonics

by

Yasser Muhammad Tasif Khan
Doctor of Philosophy in Engineering - Electrical Engineering and Computer Sciences

University of California, Berkeley
Professor Ana Claudia Arias, Chair

Wearable medical sensors that can monitor biosignals have the potential to transform health-
care - they encourage healthy living by providing individuals feedback on personal vital signs
and enable facile implementation of both in-hospital and in-home health monitoring. To date,
fabrication of wearable medical sensors heavily relies on conventional semiconductor vacuum-
processing, which is expensive and has limited large-area scalability. Taking advantage of the
unique manufacturing capabilities of printed electronics, we can now design wearables that are
soft, lightweight, and skin-like. These soft and conformable sensors significantly improve the
signal-to-noise ratio (SNR) by establishing high-fidelity sensor-skin interfaces.

This thesis presents a review of existing literature on flexible and wearable health moni-
toring devices, discusses different printing techniques for fabricating wearable medical sensors,
and highlights two sensing modalities: bioelectronic and biophotonic. For bioelectronic sens-
ing, the design and fabrication of flexible and inkjet-printed gold electrode arrays are demon-
strated, which are implemented in a smart bandage for early-detection of pressure ulcers. Also,
the efficacy of the electrodes is demonstrated on conformal surfaces and on the skin to record
electrocardiography (ECG) and electromyography (EMG) signals. For biophotonic sensing, an
all-organic optoelectronic sensor is demonstrated for transmission-mode pulse oximetry, which
accurately measures pulse rate and oxygenation. Since transmission-mode pulse oximetry can
only be performed at the extremities of the body and requires a pulsatile arterial blood signal
- printed, organic, reflection-mode oximeters are reported. The design, sensing methodology,
and fabrication of a flexible and printed sensor array composed of organic light-emitting diodes
(OLEDs) and organic photodiodes (OPDs) are shown, which senses reflected light from tissue
to determine the oxygen saturation. The sensor is implemented to measure oxygen saturation
on different parts of the body and to create 2D oxygenation maps of adult forearms under
pressure-cuff-induced ischemia. Finally, a key enabling technology for wearables - flexible hy-
brid electronics (FHE) is presented. The implementation of FHE in an integrated multi-sensor
platform is discussed, where soft sensors are interfaced with hard silicon-based integrated
circuits for wearable health monitoring.
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Chapter 1

Introduction

Healthcare, roughly one-fifth of the US economy, has seen tremendous improvements in
the medical sciences and engineering innovations. While these advancements are improving
in-hospital care, in-home care has been lagging behind. Wearable medical sensors have the
potential to revolutionize healthcare: they encourage healthy living by providing individuals
feedback on personal vital signs and enable facile implementation of both in-hospital and in-
home health monitoring [1]. Consequently, wide implementation of these sensors can reduce
prolonged hospital stays and cut avertible healthcare costs. In recent years, there has been an
increased demand for wearable devices, as demonstrated by the growth of the wearable fitness
market to $5 billion in 2015, which is higher by 25 percent from 2014 - this growth rate is
expected to be sustained over the next 5 years [9]. Concurrently, there has been a significantly
increased interest in monitoring stress and human performance during physically demanding
tasks. Wearable medical devices, for improved in-home care, customized for patients with
known health issues that can benefit from regular and even continuous monitoring, are de-
sired. Currently, devices are being developed to monitor human vital signs continuously, as
non-invasively and comfortably as possible. Regular monitoring of vital signs would help to
establish an individual health baseline and alert users and medical professionals of abnormal-
ities indicating that further medical attention and care may be necessary. Today, most of the
wearable devices have a watch format and track activity levels. By incorporating vital signs
sensors, these devices can be upgraded for both fitness monitoring and medical diagnostics.

Moving towards health monitoring devices that interface well with the skin and the body
may help with the adoption of wearable medical devices and even improve the performance of
fitness monitoring. Considerable efforts are taking place where new fabrication techniques and
materials are being applied to sensors and electronics with the goal of demonstrating flexible
and conformal electronic devices. The bulky and rigid nature of conventional silicon-based
devices can impede their applications in epidermal and implantable medical sensing [10, 11].
Alternative materials, such as plastic and elastomeric substrates, used in these flexible devices
are conformal by nature, lightweight, and therefore offer better interface with the human skin
and soft tissue. Many sensors also use electronic and optoelectronic materials that are flexible
by nature [3, 4, 12, 13] while other approaches look into transferring small and thin conven-
tional devices onto flexible substrates [14, 15]. Meanwhile, silicon-based electronics provide
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Figure 1.1. Overview of a wearable sensor platform, where flexible sensors are utilized for

real-time health monitoring.

unparalleled performance in data processing and performance. Therefore, the ideal design for
a comfortable wearable medical device would take a hybrid approach where new advanced
flexible materials are used in the same fabrication platform as silicon integrated circuits (ICs).
Such a hybrid approach can also take into consideration the diversity of shapes and sizes of the
population, making medical devices better customized for individuals. Additionally, flexibility
and a good fit to the body can also improve signal quality and reduce noise from the mea-
surement [3, 4]. The main focus of this thesis is the design and system-level implementation of
flexible and wearable medical sensors. A schematic illustration of a wearable sensor platform
is shown in Fig. 1.1, where flexible sensors are used to collect biosignals such as temperature,
HR, ECG, pulse oxygenation. The collected data is then transferred to a network for real-time
in home or in-hospital monitoring.

In Chapter 1, we discuss different biosignals that can be non-invasively measured using
wearable medical sensors. We survey the reported sensor systems, sensing mechanisms, sen-
sor fabrication, power, and data processing requirements. Medical devices are designed to
diagnose, prevent, and treat disease. According to the food and drug administration (FDA),
a medical device should not achieve its purposes through chemical action within or on the
body, and an agent which achieves its purpose through chemical action is termed as a drug
[16]. Therefore, sensors ranging from a simple temperature sensor to an invasive electrocor-
ticography (ECoG) sensor fall under the broader umbrella of medical devices. In this chapter,
we limited our focus to non-invasive and wearable vital signs sensors. Vital signs are mea-
surements of the body’s most basic functions and are useful in assessing the physical state of a
person.

In this chapter, we review several sensors that are flexible and could be used as wearable
devices to monitor vital signs such as heart and respiration rate, temperature, blood pressure,
pulse oxygenation, and blood glucose. An overview of the general working principle of each
sensor is given together with examples of flexible sensors previously reported in the literature.
General fabrication processes that allow flexibility are also reviewed together with schemes
for data processing, transmission, and visualization. In Fig. 1.2, a visual summary of this



CHAPTER 1. INTRODUCTION 3

Fabrication Process for 

Flexible Medical Devices

Power Requirements for 

Flexible Medical Devices

+ -

AFEFlexible Health 

Monitoring Devices

Sec. 1.1 

Medical Sensor Data 

Processing 

and Transmission

Sec. 1.3

Sec. 1.2 Sec. 1.4

Sensor Data Interpretation 

and Visualization

AFE

Figure 1.2. System flow of biosensors and a graphical overview of this chapter. Section
1.1 presents various biosensors designed to acquire biosignals. Section 1.2 discusses the fabri-
cation processes reported in the literature for developing flexible medical devices. Section 1.3
introduces the process flow for biosignal acquisition, filtering, amplification, processing, and
transmission to a host computer or portable device. Section 1.4 discusses the power require-
ments and methods of powering wearable biosensor systems.

chapter is given. In Section 1.1, flexible health monitoring devices are described. For each
sensor, the underlying sensing principle, alternative sensing schemes, and the reported sensors
in the literature are discussed. In Section 1.2, fabrication processes are reviewed. Section
1.3 describes the data processing and transmission requirements of the sensors, and also lists
the measurement range and signal frequencies associated with different types of vital sign
measurements. Finally, in Section 1.4, the power requirements of wearable electronics are
discussed along with practical considerations such as choice of power source and storage in
different sensing scenarios. Overall, in this chapter, we present all the major components
in wearable biosensor systems and discuss the progress made in this field, as well as the
challenges that lie ahead.

1.1 Flexible health monitoring devices

The four main vital signs routinely monitored by medical professionals are (1) Body tem-
perature, (2) HR, (3) respiration rate, and (4) blood pressure [17]. (5) Pulse oxygenation (oxy-
genation of fresh arterial blood) and (6) blood glucose do not fall into the category of vital
signs, yet these are widely used by medical professionals. Fig. 1.3 gives an overview of the
biosignals and sensing locations. In Fig. 1.3a, biosignals are grouped according to the sensing
location. For example, blood pressure measurements and bioelectronic measurements such as
sEMG can be performed on the arm [18, 19], therefore these two biosignals are grouped under
the red dot (Arm). Similarly, temperature, HR, pulse oxygenation, bioelectronic, and motion
signals can be obtained from the wrist, therefore these are grouped under the green dot (Wrist).
Other biosignals that can be extracted from the chest (orange dot), leg (yellow dot), ear (blue
dot), and bodily fluids (black dot) are also shown in the figure. In Fig. 1.3b, biosignals are
listed according to precedence. The same order is followed in this chapter, where we discuss
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Figure 1.3. Biosignals and sensing locations. (a) Sensing locations for wearable medical
devices. Here the biosignals are grouped according to the sensing location. Blood pressure
measurements and bioelectronic measurements such as sEMG can be performed on the arm,
therefore these two biosignals are grouped under the red dot (Arm). The wrist (green dot)
can be used for obtaining a vast amount of biosignals - temperature, HR, pulse oxygenation,
bioelectronic, and motion signals. Similar to the wrist, the chest (orange dot) is also a suitable
biosensing location. Temperature, HR, and respiration rate can be extracted from the chest.
The leg (yellow dot) can provide bioelectronic and motion signals. Electrochemical sensing can
be performed on bodily fluids such as sweat and tear (black dot). Since bodily fluids can be
obtained from different parts of the body, the sensing location is not marked. Additionally,
these biosignals can be obtained from other sensing locations, for example, pulse oxygenation
can be obtained from the fresh arterial blood of the finger, earlobe, or forehead. Here, we
highlighted the sensing locations where the measurements can be done in a less obtrusive
manner. (b) Biosignals and their corresponding sections in this chapter.



CHAPTER 1. INTRODUCTION 5

Graphene 

Channel

AgNW 

Electrode

a

b

c

d

e

f

Figure 1.4. Stretchable graphene thermistors and characterization. (a, b) Images of the
stretchable graphene thermistors at relaxed and twisted states. (c) Images of the stretchable
graphene thermistor at 0 and 50% strains. (d) Resistance variation with temperature showing
a nonlinear relationship. (e) IV curves of the thermistor at 0% strain in the temperature range
of 30 to 100 ◦C. (f) Dependence of ln(R) on 1000/T showing a linear relationship. Reproduced
with permission [21]. Copyright 2015, American Chemical Society.

the biosignal, the sensing mechanisms, and the reported flexible and wearable biosensors in
literature used for measuring the specific biosignal. Bioelectronic and motion signals are also
shown in Fig. 1.3 because they can be used to extract important physiological information such
as the stress level or movement of a person. However, considering the scope of this chapter,
these two biosignals were omitted from the discussions.

1.1.1 Temperature

Body temperature provides an insight into the physiological state of a person. An elevated
body temperature is an indication of infection or fever. On the other hand, a degraded body
temperature signifies low blood flow due to circulatory shock. Therefore, body temperature
is regarded as the first vital sign. While measuring body temperature, the effect of the mea-
surement site needs to be taken into account because body temperature varies depending on
the measurement site; for example, at room temperature (25 ◦ C), normal wrist temperature is
around 32 ◦ C while the body-core temperature is around 37 ◦ C [20]. In wearable form factor,
temperature sensors are usually placed on the arm or the chest, hence, recorded temperatures
are less than the body-core temperature.

Body temperature can be measured using thermistors [21–24], thermoelectric effects [25],
or via optical means [26]. However, the prominent method used in wearable sensors is the
thermistor configuration. The resistance of thermistors varies according to the temperature. If
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Table 1.1. Flexible thermistors and performance parameters.

Thermistor Material
β

(K)

α

(% / K)
Ref.

Multi-Walled CNTs∗ 112.49 -0.15 [22]

PEDOT:PSS†

and CNT
-0.61 [23]

Graphene 835.72 -1.12 [21]

NiO 4262.70 -5.71 [24]

∗Carbon Nanotubes
†Poly(3,4-ethylenedioxythiophene)-poly(styrenesulfonate)

the resistance increases with temperature increase, the sensor is positive temperature coefficient
(PTC) type. Conversely, if the resistance decreases with temperature increase, the sensor is
negative temperature coefficient (NTC) type. The general equation governing a thermistor is
given below:

Rt = R0 exp β(
1

T
−

1

T0
) (1.1)

Here, Rt is the resistance at temperature T, R0 is the resistance at T0 (reference tempera-
ture), and β is the material constant for the thermistor. Equation 1.1 can be rewritten as:

ln Rt = ln R0 + β(
1

T
−

1

T0
) (1.2)

Now, a linear relationship between ln(Rt) and 1/T is established. β represents the slope of
the ln(Rt) vs. 1/T plot, which is related to the Boltzmann relation ( E

kT ), where E is the bandgap
of the thermistor material and k is the Boltzmann’s constant. Generally, the sensitivity of the
thermistor is quantified using β and the temperature coefficient of the thermistor, α, which can
be found by differentiating Equation 1.1 with respect to T and dividing by Rt:

α =
1

Rt

dRt

dT
= −

β

T2
(%/K) (1.3)

Both β and α can be used to characterize the performance of the thermistor; β has the
units of Kelvin while α represents the percentage change of resistance per degree Kelvin. The
described working principle and performance quantification apply to most of the reported
wearable thermistors. Depending on the thermistor material, β and α can vary significantly.
Some of the reported thermistors in flexible and wearable form factor and their performance
parameters are listed in Table 1.1. For these reports, the thermistor material is deposited and
patterned on top of conductive electrodes.

Yan et al. used resistive graphene as the temperature sensing channels and highly con-
ductive silver nanowires (AgNWs) as electrodes (shown in Fig. 1.4) [21]. Fabricated stretchable
devices proved mechanically robust and demonstrated strain dependent resistance (Fig. 1.4b,
c, and e). The thermistors demonstrated β = 835.72K and α = −1.12%/K. Huang et al.
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used NiO based thermistors, and demonstrated β = 4262.70K and α = −5.71%/K. These
performance parameters are comparable to commercially available thermistors [24]. Jeon et al.
used nickel microparticle-filled binary polymer composites as the temperature sensor, where
the polymers had a melting point in the range of 35 to 40 ◦ C [27]. When the material tem-
perature reaches the melting point of the polymers, the particle-particle distance of the host
nickel microparticles increases due to volume expansion of the polymers, which increases the
thermistor resistance. This results in a huge β in the sensing temperature zone, hence, a low
gain read circuit is used to read out the sensor data. While promising advances have been
made in wearable temperature sensing, a few impediments still hinder accurate temperature
measurements. Most reported thermistors show a strain dependence [21, 24], which is not
ideal for wearable sensing because flexing or twisting the sensor can alter the resistance of
the thermistor. Decoupling strain effects from temperature effects in thermistors still remains
challenging. A hybrid approach of using a small rigid thermistor embedded in a flexible and
stretchable matrix can be used to circumvent the strain dependence. The host flexible and
stretchable matrix will provide the required compliance and the rigid thermistor will be min-
imally influenced by the induced strain. Another bottleneck in wearable temperature sensing
is to accurately measure body-core temperature. Wearable sensors record skin temperature,
which is a few ◦ C less than the core temperature of 37 ◦ C. Additionally, the skin temperature
has a strong dependence on environmental temperature fluctuations. Boano et al. measured
temperature shift of 2 to 3 ◦ C in skin temperature during indoor to outdoor movement using
wearable temperature sensors [28]. On the other hand, the core temperature varies less than 1
◦ C throughout the day. Although, the variation of core and skin temperature is dissimilar, it
is possible to establish a relationship between the two, and estimate the core temperature from
the skin temperature using reported models in the literature [29–31]. Additionally, evaporation
of sweat results in a reduced relationship between core and skin temperature [32], as well as a
degraded thermal contact between the skin and the sensor. Therefore, for accurately measuring
the core temperature, all these impediments need to be addressed.

1.1.2 Heart rate

The primary function of the human heart is to pump oxygenated blood and nutrients to
the body and remove carbon dioxide and other wastes. The sequence of cycling deoxygenated
blood through the lungs and pumping newly oxygenated blood to the body through the aorta
is called the cardiac cycle. The HR or pulse is the frequency of cardiac cycles, expressed as
beats per minute (b.p.m.). The HR changes according to the body’s need and is susceptible to
alteration in the body’s normal state. Any major change to the physical or mental state of a
person usually changes the pulse. Therefore, HR is used as one of the vital signs to assess the
physical and mental state of a person [17].

The HR can be measured manually from the radial artery at the wrist, from the carotid
artery at the neck, or by listening directly to the heartbeat using a stethoscope. To measure the
HR more accurately, electrical, optical, and strain sensors can be used. In the case of electrical
measurement, skin electrodes are used to pick up the depolarization signal from the heart
muscles. This technique is known as ECG. In addition to health monitoring, ECG is a useful
diagnostic technique for assessing the cardiovascular system. Although ECG measurements
are conventionally done using 12 leads, the signal can be picked up by using 2 electrodes
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Figure 1.5. ECG using a flexible and stretchable sensor system. (a) Optical images of the
sensor system on the forearm, with a pair of epidermal electrodes in self-similar serpentine
mesh layouts (inset optical micrograph). (b) ECG acquired by using the device mounted on
the sternum. A detailed view of the ECG signal shows the expected Q, R, and S waveforms.
Reproduced with permission [33]. Copyright 2014, AAAS. (c) An ionic liquid gel-assisted ECG
electrode. The different electrode configurations tested. Schematic of the electrode positions
on a subject’s arm. The working electrode and counter electrode were placed on the forearm, 5

cm away from each other. The reference electrode was placed on the arm, 30 cm away from the
working electrode. (d) Electrode/skin impedance measured at 1 kHz for IL gel-assisted Au and
PEDOT:PSS electrodes and commercial Ag/AgCl electrode with an aqueous gel. Reproduced
with permission [34]. Copyright 2014, Wiley-VCH.



CHAPTER 1. INTRODUCTION 9

placed on the chest [35]. This allows the sensor designs in wearable form factor. However, the
signal intensity drops as the spacing between the electrodes is reduced [36]. Xu et al. used 2

electrodes in a band-aid form factor as shown in Fig. 1.5a. The sensor system was composed of
electrodes, circuits, and radios for wireless communication in a soft microfluidic assembly; as a
result, the complete system was flexible and stretchable [33]. Fig. 1.5b shows the obtained ECG
signal using the flexible system. Similar wearable ECG configuration is used with polymer [37],
carbon nanotube [38], stretchable elastomer [39], and textile-based [40, 41] electrodes. Since the
ECG signal is periodic, the HR can be obtained from the R wave-to-R wave (RR) interval of the
ECG signal.

While the conventional gel-assisted Ag/AgCl electrodes remain the gold-standard for clin-
ical use, these electrodes are cumbersome for use in wearables and result in skin irritation [44].
In wearable form factor, electrodes that operate without gels, adhesives, and even skin contact
have been demonstrated [45, 46]. However, the performance of these electrodes remains below
par. Leleux et al. used ionic liquid gels in conjunction with gold and PEDOT:PSS electrodes
(Fig. 1.5c), and demonstrated stable operation up to three days without re-application of the
gel (Fig. 1.5d) [34].

PPG is another powerful method for measuring the HR. The pulse signal can be obtained
from the plethysmogram by using optical [4] and pressure [42, 43] sensors. With every heart-
beat, the heart pumps oxygenated blood to the body and pulls back the deoxygenated blood;
these actions distend the arteries and arterioles in the subcutaneous tissue. In the optical sens-
ing method, which is known as PPG, a LED is used to illuminate the arteries, and depending on
the blood volume the transmitted or reflected light intensities through and from the skin and
tissue change. This signal is then obtained by using a PD. During the systolic phase (the phase
of the heartbeat when the heart muscle contracts and pumps blood from the chambers into
the arteries) the light absorption peaks due to a high volume of blood. The interval between
two systolic peaks can be used to calculate the HR. The same principle applies for pressure
sensors - the systolic peaks can be detected using pressure sensor placed on the radial artery
[42] or the carotid artery [43]. Schwartz et al. used a pressure sensitive polymer transistor and
picked up the pulse signal from the radial artery (Fig. 1.6a - c) [42]. Using the same pressure
sensing technique, Nie et al. picked up the pulse signal from the carotid artery (Fig. 1.6 d - e).
However, in this case, the sensor was a droplet-based capacitive pressure sensor [43].

Using the three sensing techniques: electrical, optical, and pressure, the HR can be mea-
sured accurately. The sensing method should be chosen according to the sensing location.
For example, on the chest, ECG electrodes should be chosen over optical and pressure sensor.
Similarly, on the wrist, optical or pressure sensors are preferable over ECG for HR sensing.

1.1.3 Respiration rate

Respiration rate is a critical vital sign because without adequate inflow of oxygen and
removal of carbon dioxide, a patient is at risk of death or permanent injury. Furthermore,
abnormal respiration rates are symptoms of many disorders such as sleep apnea, asthma,
chronic obstructive pulmonary disease, and anemia [47–49].

To measure respiration rate, sensors can respond in various ways to the flow of breath,
or to the expansion and contraction of the chest and abdomen during breathing. Numerous
methods exist to transduce the expansion and contraction of the lungs into an electrical sig-
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Figure 1.6. HR monitoring using pressure sensors. (a-c) Pulse wave of the radial artery
measured with a pressure sensitive polymer transistor. (a) Real-time transient pulse signal. (b)
Averaged signal from 16 periods (separate measurements). (c) Photo showing the placement of
the sensor on the radial artery of a person. Reprinted by permission from Macmillan Publishers
Ltd: Nature Communications [42], copyright (2013). (d,e) Monitoring pulse and blood pressure
variation using a droplet-based pressure sensor. (d) The pressure sensor is applied on the skin
surface above the carotid artery. (e) Blood pressure variations, as well as the pulse signal, are
observed. Reproduced with permission [43]. Copyright 2012, Royal Society of Chemistry.
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nal. In impedance plethysmography, electrodes are placed onto the body and the change in
impedance between them reflects the change in lung volume during inhalation and exhalation
[50]. Most wearable respiration sensors, however, physically expand and contract along with
the lungs and employ some type of strain or pressure sensing to detect the volume change. A
single solid piece of material can be used as a strain gauge by exploiting the Poisson effect:
when tensile stress is applied to the material, its length increases in the direction of the stress
and decreases in the direction perpendicular to the stress. If a conductive material is used, the
resistance measured in the direction of the tension increases as a result. If a dielectric material
is used instead, the capacitance measured perpendicular to the strain increases. Alternatively,
when conductive materials are embedded or woven into a stretchable insulating matrix, the
change in contact area between the conductors and the resulting change in resistance can be
used to sense the strain. If a conductive material is formed into a loop around the body, the
change in inductance as the body circumference changes can also be used to measure respi-
ration. Alternatively, a compressible material can be used to sense pressure by sandwiching
it between two stiffer materials wrapped tightly around the body. Another method is to use
a looped optical fiber whose transmittance changes as the loops are stretched. Finally, while
all of these techniques require applying a signal, either electrical or optical, to the sensor and
measuring the response, piezoelectric or triboelectric sensors can generate an electric signal
directly from applied pressure. All of these sensing mechanisms require the sensing element
to be in close contact with the body so that the expansion and contraction of the torso during
breathing is transmitted adequately to the sensor. It is, therefore, critical for the sensor to be as
comfortable and conformable as possible.

To detect the flow of breath, sensors can be placed near the nose or mouth that respond
to the changes in air temperature, humidity, pressure, or carbon dioxide concentration during
respiration [51, 52]. Acoustic sensors on the neck can also be used to measure respiration rate
[53, 54]. These types of sensors can be highly accurate and can more easily detect certain con-
ditions than chest-based sensors, such as respiratory obstructions in which air stops flowing
into the lungs despite continued motion of the chest [51, 55]. Strain sensors on the torso also
tend to respond to other body motions in addition to respiration, such as walking, speaking,
and arm movement [49, 55, 56], whereas sensors on the nose and throat are not susceptible to
such motion artifacts. However, sensors on the nose and throat are likely to be more conspicu-
ous and less comfortable than those on the torso. Thus, for general activity tracking purposes,
where the wearer is not at high risk for respiratory problems, the strain and pressure sensors
may still be the preferred choice. The downsides of these sensors can also be mitigated through
signal processing and the use of multiple sensors in different locations, such as the chest and
abdomen. For example, band-pass filters can be used to remove interference from body motion
during speaking and walking [49]. Additionally, the difference in timing between expansions
of the chest and abdomen can be used to detect a partial airway obstruction [57]. Many new
wearable and stretchable strain or pressure sensors have therefore been developed for respira-
tion monitoring purposes in the past several years, utilizing novel materials and designs for
improved comfort and sensitivity.

A number of respiration rate sensors take advantage of conductive textile technology to
build the sensing elements directly into the textile. Huang et al. [61] and Atalay et al. [49]
knitted conductive fibers—carbon-coated and silver-coated, respectively—together with non-
conductive fibers to form resistive strain sensing textiles. As the textile is stretched, the contact
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Figure 1.7. Wearable textile- and carbon nanomaterials-based respiration sensors. (a) Knit-
ted resistive sensor, showing the silver coated yarn (yellow) woven into a non-conductive tex-
tile. Contact points between loops are highlighted in red; when the textile stretches the contact
area is reduced, increasing the resistance. (b) Photograph of a belt containing the knitted re-
sistive sensor. Reproduced with permission [49]. Copyright 2015, IEEE. (c) Respiration sensing
t-shirt, with capacitive textile electrodes on front and back, along with a box for data acquisition
electronics. (d) Capacitance signal between textile electrodes (black), compared to conventional
spirometer flow rate (red), during different breathing patterns. Reproduced with permission
[58]. Copyright 2013, The Japan Society of Applied Physics. Respiration sensing patches based
on carbon nanomaterials. (e) Fabrication process diagram for aligned carbon nanotube strain
sensor. (f) Respiration pattern measured with the strain sensor. Reproduced with permission
[59]. Copyright 2011, Macmillan Publishers Ltd. (g) Measured change in resistance of graphene
woven fabric strain sensor during normal breathing and exercise. Insets show the waveforms of
a single breath cycle and the location of the sensor on the chest. Reproduced with permission
[60]. Copyright 2014, Wiley-VCH.

area between the conductive fibers is reduced, and the resistance increases. Fig. 1.7a shows
knitted loops of conductive fibers, highlighting the contact areas, and Fig. 1.7b shows a belt
containing the resistive sensor [49]. Wijesiriwardana knitted copper wires into an elastomeric
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textile to form an inductive loop; when wrapped around the torso the inductance of the loop
changed in response to the expansion and contraction of the lungs [62]. Multiple textile-based
pressure sensors have also been reported. In Hoffmann et al. [63] and Min et al. [48], a
compressible textile or foam material is sandwiched between two conductive textile electrodes.
When the chest expands, the pressure applied on the compressible textile reduces its thickness,
increasing the capacitance between the electrodes. A process for fabricating resistive textile
pressure sensors was developed by Li et al., in which cotton fibers were converted directly into
conductive carbon by pyrolysis, and then infiltrated with an elastomer to form the pressure
sensor [64]. This sensor was integrated into a conventional belt to measure respiration rate.
Kundu et al. fabricated a potentially more comfortable alternative to the aforementioned belt-
based sensors: a capacitive sensor embedded in a t-shirt [58]. In this design, textile electrodes
were attached to the anterior and posterior sides of the shirt, as shown in Fig. 1.7c, and the
capacitance between them was monitored. The effectiveness of this textile sensor is exemplified
by a comparison with a conventional spirometer measurement, as shown in Fig. 1.7d. Guo et
al. developed a shirt with resistive respiration sensing capability, by printing a carbon-filled
silicone piezoresistive element onto the garment [47]. Both of these garments also included re-
movable boxes carrying the data acquisition electronics. Non-textile sensing devices have been
integrated into belts and garments as well, including sliding-plate capacitive strain sensors
[56], crystalline conductive polymer film strain gauges [65], and optical fibers [66–68].

There are, however, some downsides to the textile-integrated sensors. First, there is an
inherent tradeoff between comfort and sensitivity: to acquire a signal of sufficient quality, the
garment or belt needs to be tight. The sensing textiles may therefore be uncomfortable, par-
ticularly if worn for extended periods of time, and may also require manufacturing of many
different sizes. Furthermore, the sensing garment should be reused repeatedly and perhaps
even washed, requiring the sensing elements to be extremely durable. Patch-type sensors, on
the other hand, resembling an adhesive bandage, can potentially be smaller, less expensive, and
more unobtrusive than the textile sensors, and can be disposable. Several patch strain sensors
have recently been developed based on composites of carbon nanomaterials such as carbon
nanotubes or graphene embedded in an elastomer matrix, which find applications in electronic
skins and human motion detection in addition to respiration rate monitoring. Carbon nano-
materials have several properties that make them ideal for strain sensors, including exceptional
flexibility, mechanical strength, and carrier mobility, enabling excellent sensitivity to both low
and high strains as well as fast response time [59, 60, 69, 70]. Stretching the composite reduces
the number of percolation conduction pathways as well as the contact area between the con-
ductive particles, increasing the end-to-end resistance of the sensor. Yamada et al. fabricated
films of aligned carbon nanotubes, which were attached to a polydimethylsiloxane (PDMS)
support perpendicular to the direction of strain [59]. When the device was stretched, the car-
bon nanotube film separated into islands with gaps bridged by narrow nanotube bundles, and
the overall film resistance could be correlated with the size of the islands and gaps and there-
fore the amount of strain. Fig. 1.7 shows the fabrication process for these sensors (e) and a
representative respiration waveform (f). Wang et al. fabricated graphene woven fabrics using a
copper mesh template and incorporated them into sensors using a combination of PDMS and
medical tape as a stretchable substrate [60]. Stretching the graphene caused reversible crack
formation, which decreased the number of current pathways and therefore increased the re-
sistance. Waveforms of relative change in resistance are shown during normal breathing and
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during exercise in Fig. 1.7g. Boland et al. infiltrated elastic bands with graphene flakes to form
highly stretchable strain sensors [69]. The graphene flakes diffuse through the pores in the
elastic band, resulting in a structure that exhibits good conduction between flakes but main-
tains the very high stretchability of the elastic band. Finally, Cai et al. used random networks
of carbon nanotubes as stretchable and transparent electrodes for capacitive strain sensors [70].
These sensors employed a stretchable silicone dielectric, which experienced a decrease in thick-
ness and increase in area following the Poisson effect under tension. Each of these sensors was
integrated into an adhesive bandage placed onto the chest to monitor respiration, illustrated in
the inset to Fig. 1.7g. Of these sensors, the graphene-infiltrated elastic bands showed the high-
est extensibility, 800%, and the largest relative signal strength during breathing, a resistance
change of about 2x [69].

Finally, several self-powered wearable piezoelectric and triboelectric respiration sensors
have been developed recently. Films of the piezoelectric material polyvinylidene fluoride
(PVDF), which generates a voltage in response to changing mechanical deformation, have been
integrated into multiple wearable respiration sensors [72]. Chiu et al. improved upon the flat
film design by using a freely movable curved PVDF structure integrated into a sensor patch,
achieving an improvement in signal amplitude of over twofold [73]. These types of sensors also
respond to heartbeats, so signal processing is required to separate the respiration information
from the HR information. In Yi et al., a triboelectric sensor was built using stretchable rubber
and aluminum foil, which naturally experience electron transfer from the aluminum to the rub-
ber when they are brought into contact [74]. Stretching the rubber reduces its charge density,
causing a corresponding flow of electrons into the aluminum foil from the ground. This device
was used to measure respiration rate by incorporating it into a band around the abdomen.
While additional power may still be required to perform data processing and communication,
utilizing a self-powered sensor can reduce the overall power requirements, allowing a smaller-
capacity power source to be used.

1.1.4 Blood pressure

Blood pressure is one of the most important signs into the general health of a person.
The two most significant numbers in blood pressure are the maxima (systolic) and minima
(diastolic). A typical blood pressure measurement device is a sphygmomanometer, which
consists of a pump connected to an inflatable cuff that is typically wrapped around the arm
and a manometer to measure the pressure. The cuff pressure is initially inflated well above
200 mm Hg, cutting off blood circulation to the arm, the pressure is then decreased until
blood starts to spurt into the blood vessel at the peak pressure of the pulse, known as the
systolic pressure. Further reducing the pressure to the point where this turbulent blood flow
stops is known as the diastolic pressure, the lowest pressure of the pulse. The turbulence of
the blood flow may either be measured using the sounds heard through a stethoscope or the
small oscillations in the pressure of the cuff (known as oscillometry). The blood pressure of a
healthy person lies below 120/80 (systolic/diastolic); higher blood pressures are diagnosed as
hypertension.

While the use of sphygmomanometers has become routine during clinical visits, these
systems are limited by their stationary setup and expensiveness, making continuous long-term
monitoring difficult. This creates many gaps through which asymptomatic cardiac conditions
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Figure 1.8. Blood pressure wave measurements on the wrist and neck using a pressure

sensitive transistor. (a) Photograph of the sensor placed on a wrist (scale bar, 2 cm). (b)
magnified view (scale bar, 1 cm). (c) IDS–time plot for a sensor mounted on the wrist. (d)
IDS–time plot for data in the region indicated by the dashed box in c. (e) IDS–time plot for the
sensor while reading pressure on the wrist before, during and after application of pressure on
the arm using a commercial pneumatic cuff. (f) IDS–time plot for data in the region indicated
by the dashed box in e. Photograph of a sensor placed on (g; scale bar, 1 cm) neck. (h)
blood pressure from the neck. Reproduced with permission [71]. Copyright 2014, Macmillan
Publishers Ltd.
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may go undetected until a heart attack or stroke occurs [75]. Sphygmomanometers also lack
the ability to monitor the pressure of the pulse waveform between the systolic and diastolic
pressure, known as arterial tonometry, which is very useful for diagnosing cardiac conditions
[76]. Additionally, the cuff size of sphygmomanometers must be chosen carefully for each
individual or else a false value would be read.

The development of new material systems has led to the fabrication of highly sensitive
strain sensors capable of measuring pulse pressure waveforms with ease [42, 71, 77–81]. These
novel pressure sensors are typically in the form factor of capacitors, which use either a com-
pressible dielectric to induce a change in capacitance or a piezoelectric dielectric to induce a
voltage across the device. The signal from the capacitive elements are either amplified by an
external instrument or a monolithically integrated device on the same substrate, typically a
thin film transistor (TFT) [42, 71]. Alternatively, strain-dependent resistors may be fabricated
and were commonly used in the early development of wearable pressure sensors [79, 82, 83].
However, these are no longer as common in literature, most likely as a result of the constant
current that demands higher power consumption than their capacitive counterparts. Addition-
ally, radio frequency identification (RFID) techniques have been used to detect arterial wall
motion but require implanting of the device under the skin [84].

Compressible capacitive strain sensors consist of a elastic, but robust dielectric sandwiched
between two flexible electrodes. As the dielectric is compressed from externally applied pres-
sure, the capacitance of the device changes. The most common material of choice for the
dielectric is PDMS owing to its biocompatibility, inexpensiveness and the extreme range of
strain. Additionally, Mannsfeld et al. demonstrated in a seminal work that the sensitivity of
planar PDMS can be improved by a factor of 30, decreasing the effective modulus of the mate-
rial, and the relaxation time can be reduced to by a factor of 104, by molding the surface into
microstructured pyramids [85]. These high sensitivities and fast relaxation times enabled a new
set of devices that could measure blood pressure precisely enough for arterial tonometry. Fur-
ther examining the effects of these microstructures, Tee et al. have shown that smaller sidewall
angles and larger pyramid spacing led to a decrease in the effective modulus, improving sen-
sitivity to 0.2 kPa−1 [86]. However, the attempt to measure pulse pressure was made difficult
by the fact the pressure of the finger on the sensor was far greater than the pulse and by the
nonlinearity of the sensor, with decreased sensitivity to the small pressure variations from the
finger’s pulse at high background pressures. The effective modulus of the PDMS dielectric may
also be reduced by creating a porous film [87] and roughening the surface by casting PDMS
on a rough substrate [79]. Wang et al. demonstrated that casting PDMS on an inherently mi-
crotextured substrate such as silk and depositing stretchable and conformal carbon nanotube
conductors creates a pulse pressure sensor with a sensitivity of 1.8 kPa−1 [79]. In this design,
the change in contact area between two carbon nanotube coated rough PDMS films, and the
resulting change in resistance between them, allowed the pressure to be sensed. An ionic fluid
may also be used as a dielectric, as reported by Li et al., with an electrical double layer acting
as the main source of capacitance with a sensitivity of 0.45 kPa−1 [77]. The relaxation time was
sufficiently fast to reliably measure arterial pulse pressure.

Piezoelectric materials are another go-to material set for creating strain-sensitive devices,
and were used in early developments of strain sensors [82]. When a piezoelectric material
is strained, a voltage signal is induced across the device. Dagdeviren et al. integrated such
materials as the dielectric in an array of capacitors on an ultra-conformal substrate [71]. The
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high sensitivity of the device made it possible to reliably measure pulse pressure in a variety
of locations on the body (Fig. 1.8a, b, and g). The IDS–time plots shown in Fig. 1.8c - f, and h,
were correlated to the systolic and diastolic pressures. Additionally, the voltage induced from
piezoelectric materials can also provide a current signal across a low-resistance device. Choong
et al. combined a piezoelectric and a conductive polymer deposited on top of microstructured
PDMS to create a device with a high sensitivity of 10.3 kPa−1 [80]. Piezoelectric materials can
even be deposited over a surface of fibers, which not only are easily integrated with textiles
but also sense pressure isotropically [78].

The system of a pulse pressure sensor is equally important as the sensor itself. Amplifica-
tion in these systems is a necessity as a result of the substantially larger background pressure
in comparison to the pulse pressure, and is facilitated through monolithic integration of an
amplifier next to the sensor. Dagdeviren et al. achieved such integration by connecting their
piezoelectric capacitors to a TFT deposited on the same substrate in a common source con-
figuration [71]. Schwartz et al. approached this issue with the same amplification scheme
but instead directly integrated their compressible capacitor as the gate dielectric for their TFT,
resulting in very clear output signals well over 1V [42]. Another issue with pulse pressure sens-
ing is placing the sensor in the area with the strongest signal. An addressable array of pressure
sensors can be scanned to find the pixel with the strongest pulse signal, as demonstrated by Li
et al., avoiding the need to precisely place a wearable sensor [77]. Additionally, having an ar-
ray of high-resolution sensors would make it possible to measure pulse delay between different
locations, an important but infrequently used technique to assess cardiac health [76].

Despite the plethora of sensors demonstrated to measure the pulse pressure, few reports
attempted to correlate the measured signals to blood pressure [71, 80, 88]. Those that did deter-
mine blood pressure found highly non-linear relationships between systolic/diastolic pressures
and the sensor output. A more rigorous study has yet to be done on the reliability of these
sensors, which shows the use-to-use and person-to-person variability.

1.1.5 Pulse oxygenation

Oxygen saturation or oxygenation is the concentration of oxy-hemoglobin in the blood di-
vided by the sum of the concentration of oxy- and deoxy-hemoglobin in the blood. Depending
on the sensing location and method, oxygenation can be categorized into - tissue oxygenation
(StO2), venous oxygenation (SvO2), and peripheral oxygenation (SpO2). Among different oxy-
genation measurements, SpO2 measurement is ubiquitous due to its non-invasive nature. If the
signal is collected from the fresh pulsatile arterial blood, the measurement is termed as pulse
oxygenation. Combined with a person’s pulse, pulse oxygenation reflects a person’s cardiovas-
cular health. In a healthy adult, pulse oxygenation should be at least 95%. If it falls too low,
below 80%, proper organ function is hindered [89]. SpO2 is determined by an optical measure-
ment where two LEDs operating at two different wavelengths alternatively shine light through
or on the sensing location, which can be the finger, earlobe, forehead, or wrist. At a given time,
the blood volume and the concentration of oxy-hemoglobin in the blood determine the inten-
sity of the transmitted or reflected light through or from the tissue and skin. This optical signal
is then collected by a PD. In the transmission mode, the PD is located at the opposite side of
the tissue or skin to collect the transmitted light. Alternatively, in the reflection mode, the PD
is located at the same side as the LEDs to collect the reflected light. This optical measurement
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is based on the fact that the hemoglobin in the blood has a different absorptivity depending
on whether or not it is bound to oxygen, and on the wavelength of light. The oxygenation
is derived from the ratio of the PD signal upon excitation at each wavelength and the known
molar absorptivity of oxy- and deoxy-hemoglobin at each wavelength [4, 89, 90].

In transmission pulse oximetry, one LED has a peak wavelength at which oxy-hemoglobin
has a higher absorptivity than deoxy-hemoglobin, and the other LED has a peak wavelength at
which oxy-hemoglobin has a lower absorptivity than deoxy-hemoglobin. The light from each
LED is absorbed by blood, skin, and other tissues before it reaches the PD. The ratio of absorbed
light at each wavelength, Ros, is derived from the ratio of transmitted light in accordance with
Beer-Lambert’s law as given by Equation 1.4. The transmitted light is given by the PD signal
upon excitation at each wavelength.

Ros =
Aλ1

Aλ2

=
ln(Tn,λ1

)

ln(Tn,λ2
)

(1.4)

The arterial oxygen saturation, SaO2, is then derived from Ros and the molar extinction
coefficient of oxy-hemoglobin (ελ,HbO2

) and deoxy-hemoglobin (ελ,Hb) at each wavelength:

SaO2(Ros) =
ελ1,Hb − ελ2,HbRos

(ελ1,Hb − ελ1,HbO2
) + (ελ2,HbO2

− ελ2,Hb)Ros
(1.5)

Organic optoelectronics are a prime candidate for use in pulse oximetry because they are
solution processable at low temperatures compatible with fabrication on flexible plastic sub-
strates. Unlike the inorganic optoelectronics used in commercially available pulse oximeters,
the flexible form factors of OLED and OPD allow for an oximeter that has a conformal fit to
the human body [4, 91].

Bansal et al. demonstrated oximetry using OLED made from poly[2-(3’,7’-dimethyloctyloxy)-
5-methoxy-1,4-phenylenevinylene] or OC1C10-PPV (with peak emission in the red and tail in
the NIR) and two OPDs made from PTB7 : PC70BM (with an un-filtered absorption maximum
at 690 nm) to perform pulse oximetry using reflected light rather than transmitted light [91].
The OLED is placed in between the two OPDs, each with a different filter to allow the OPD to
read light with a peak wavelength of 610 nm or 700 nm. The OLED and OPD were placed onto
a subject’s forearm with 20 mm spacing in order to probe the oxygen saturation of muscle tis-
sue, and successfully showed the change in the concentration of oxy-hemoglobin in the tissue
upon induction and termination of ischemia induced in the arm.

With a focus away from making the optoelectronics themselves flexible, Rothmaier et al.
have shown a flexible and wearable pulse oximeter using inorganic light sources and detectors
that are not form-fitting to the human body by creating a textile optical fiber glove to transmit
the optical signals from the light source, through the fore-fingertip, and back to the detector
[92]. Plastic optical fibers (POF) made from poly(methyl methacrylate) (PMMA) were woven or
embroidered into polyester fibers. Their wearability while taking oxygenation measurements
was demonstrated by integrating the optical fiber textile into the fore-fingertip of a glove in
order to take pulse oximetry measurements. Organic and textile optoelectronics are extremely
promising for novel implementations of pulse and tissue oximetry. While textile optoelectron-
ics can be integrated into clothing, organic optoelectronics on flexible substrates can be adhered
directly to the skin with a secure fit. Even in commercially available pulse oximeters, motion
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artifacts and ambient light interference are known problems that hinder the measurement ac-
curacy. By adhering the sensor closely to the skin and letting it flex and move with the skin,
the noise from ambient light can be reduced as well as the impact of motion artifacts [4].

1.2 Fabrication process for flexible medical devices

A wide variety of fabrication methods is necessary in order to create all the components of
a wearable health monitoring device. Conventional silicon-based microfabrication techniques
are necessary for the sensor readouts, microprocessor, and communication. However, large
area sensors and batteries are desirable in order to increase signal quality and operation time,
respectively. Given the poor area-cost scalability of silicon processing [93], printing functional
materials on inexpensive substrates is an attractive alternative to maintain desirable device per-
formance while saving cost. Finally, the fabricated devices must be integrated onto a wearable
substrate such as a textile, elastomer or patch.

Silicon processing is a necessity in order to form the workhorse silicon-based transis-
tor processors that communicate and compute. The tremendous advances in computational
speed and low power consumption of these devices following Moore’s law make this tech-
nology completely unrivaled by any other processing technology. While these circuits are on
fabricated on rigid silicon wafers, it is possible to transfer them to flexible and stretchable sub-
strates that conform well to the body. The Rogers group has extensively demonstrated such
transfer techniques for a variety of systems ranging from image sensors [94], wearable [14] and
even implantable devices and systems [15, 95]. Transferring pre-fabricated devices on silicon
can be done using several techniques. A packaged integrated circuit package may flip chip
bonded or pick-and-placed onto an elastomeric substrate using a low-temperature solder[14]
or adhesive printed electrodes[96] as shown in Table 1.2. Devices fabricated on a wafer may
also be transferred directly onto an elastomeric substrate such as PDMS by performing a wet
etch underneath the fabricated device to loosen the foundation [94]. A buried oxide layer on
the wafer is needed in order to act as the detachment point for this transfer. The interconnects
between these transferred devices can also be deposited and etched into shape with microfab-
rication techniques [14, 15, 94]. However, since the transferred wafer-based devices are fairly
rigid and not stretchable, the interconnects must be able to accommodate the all the strain of
the substrate to prevent other devices from fracturing. To achieve such a goal, the interconnects
can either delaminate off the substrate [94], or be patterned into a serpentine configuration [14]
to reduce the strain they experience. Sekitani et al. demonstrated that stretchable intercon-
nects created from printable pastes can connect rigid devices transferred onto an elastomeric
substrate [13].

Solution processable materials simplify fabrication and reduce cost by eliminating vac-
uum deposition, photolithography and etch steps used in microfabrication. Common solution
processable materials include dielectrics, conductors and semiconductors used to make a wide
variety of devices. These functional inks may be deposited on a variety of substrates, rang-
ing from plastic to textiles, using scalable roll-to-roll compatible printing methods. Despite
the limited performance of printed transistors, printing is ideal for sensors. Not only is cost
reduced, but larger sensors can be more easily printed than microfabricated since the process
is not limited by wafer throughput. Additionally the need for any transfer processes may be
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eliminated since the sensor may be printed on a wearable substrate. A vast range of wearable
sensors such as temperature sensors [24], bioelectronic electrodes [12], biosensors [102], and
electrochemical sensors [103, 104] have been demonstrated by printing solution-processable
functional inks. The most common solution processing technique for low viscosity inks of
<100 centipoise (cP) is spin coating. While this does produce a uniform film, it does not use
ink parsimoniously and is difficult to scale to large areas [98]. A more efficient method of print-
ing uniform films from low viscosity inks can be achieved by doctor blade coating [4], slot-die
coating [98] and spray coating [105]. Patterning low viscosity inks may either be achieved
via patterning the surface of a substrate to direct wetting [97] or inkjet printing [98]. Inkjet
printing is well adept for depositing sparse, thin designs but becomes difficult for larger-sized
features [3, 106, 107]. Gravure and flexographic printing require higher viscosity inks for reli-
able printing[98]. While formulating high viscosity inks necessitates the use of highly soluble
solutes, features as small as five micron can be reliably printed at speeds approaching one
meter per second[99]. Functional materials with a high paste-like viscosity (1,000-100,000 cP)
can be deposited via screen printing and stencil printing[100, 108]. Molding is also compatible
with roll-to-roll manufacturing, but the flow rate into the mold pattern and curing speed is a
critical factor in determining the maximum throughput speed[101]. Solution processing can
even be integrated with textile substrates, which are conformal and robust. However due to
the high roughness and porosity of textiles, they are best suited for devices that require thick
active layers such as batteries[109, 110].

The low power and high speed of silicon-based electronics coupled with the low cost area
scalability, facile wearable substrate integration and high sensor performance of printable sen-
sors means all wearable systems will be heterogeneous. Consequently it will be necessary to
integrate the transfer process for silicon processors and printing of the sensors onto the same
line to maximize efficacy. Additionally, proper printing techniques will need to be chosen
which deposit the necessary film thicknesses to maximize energy storage in the batteries, mini-
mize energy consumption by the sensors, and make the operating voltages between the silicon
and printed-based devices compatible.

1.3 Medical sensor data processing and transmission

Sensors are essentially transducers - biosensors transduce biosignals to different kind of
electrical signals, such as voltage, current, impedance, and capacitance. However, these elec-
trical signals require preprocessing before they can be interpreted to a meaningful number or
signal that can be used for medical monitoring or diagnostics. In this section the workflow
of a complete biosensor system is discussed. Fabricated biosensors are often connected to an
analog front end, where the analog electrical signal is filtered and amplified. A microcontroller
(MCU) or microprocessor (MPU) then reads the signal after digitizing the analog signal using
an analog to digital converter (ADC). Next, the data is processed using algorithms running on
the MCU / MPU and finally sent out to a computer or portable device via wired or wireless
interface for data interpretation and visualization.

While designing a biosensor system, the type of electrical signal generated by the biosen-
sor, the measurement range, and the frequency of the signal should be taken into account.
The measurement range determines the resolution required in the circuitry to resolve the de-
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sired signal. For suppressing unwanted noise, the raw analog signal is filtered and only the
desired part of the signal is amplified. Table 1.3 lists biosignals discussed in this chapter, the
sensing mechanisms, the transduced electrical signal, measurement range, and signal frequen-
cies. Since there are variations from person to person, a tolerance should be added to these
parameters. In general, these design criteria apply to most of the biosensors.

Conventional biosensors generate a continuous time signal or analog signal. Non-invasively
obtained biosignals tend to be small and contain noise. The main purpose of the analog front
end (AFE) is to reduce the noise and bring up the signal to levels that can be read by the
MCU / MPU. For most setups, the power line frequency (50 Hz or 60 Hz) and the associated
harmonics need to be taken out using filters. A differential input scheme using differential
amplifiers or instrumentation amplifiers can also be used to reduce ambient noise [36]. Next,
depending on the frequency of interest (Table 1.3), high-pass, low-pass, or band-pass filters can
be implemented to extract the desired signal [4, 35, 90]. After that, the signal is brought up to a
level so that it can be read with ADCs; here the resolution of the ADC should be selected con-
sidering the signal range and signal to noise ratio (SNR). The digitized signal is processed by
the MCU / MPU - the sampling frequency should be high enough to reduce aliasing. Finally,
the processed data is sent out to a host computer or a portable device using wired or wireless
interfaces. An additional design parameter is the power requirements of the biosensors and
the circuitry, which is discussed in the next section.

1.4 Power requirements for flexible medical devices

Providing the required electrical power to flexible and wearable devices is one of the
grand challenges in electronics today. While some self-powered sensing elements have recently
been developed [25, 73, 74, 81, 113], most health monitoring devices require power to drive the
sensing elements; examples include resistive strain and temperature sensing and optoelectronic
measurements such as PPG. In addition to the demands of the sensor itself, power is required
to analyze the data collected and to communicate or display the result. The basic requirement
of power sources for these wearable health monitoring modules is to provide whatever power
is needed, without disrupting the wearer’s mobility or comfort. To avoid plugging wires into
the module frequently, on-board energy storage or reliable energy harvesting with sufficient
capacity must be present. These power sources should be located near the sensor module, to
minimize wiring and the associated resistive losses, discomfort, and system complexity. Since
large energy harvesting or storage capacity tends to require a large area or volume of material,
it is beneficial for the power sources themselves to be flexible so that they do not limit the
conformability or comfort of the system. In particular, the structure and mechanical properties
of the power source would ideally be similar to those of the sensor itself (e.g. stretchable or
woven textiles) so that the power source can withstand the same stresses and respond similarly.
This section will discuss the power requirements for the various types of wearable health
sensing components and the technologies available to provide the necessary power. Focus will
be given to the limitations and opportunities of each power source technology, recent advances
making them more suitable for wearable applications, and demonstrations of their potential in
health monitoring systems.

The reported power requirements for various types of vital signs monitoring systems
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are given in Table 1.4. Although the current, voltage, and power consumption values vary
greatly, there are some generalizations to be made. First, the power consumption of light-
emitting devices (e.g. the optoelectronic probes used for PPG) is relatively high compared
to resistive sensors. The peak current for wireless communication is also very high, although
communicating data infrequently can reduce the average power consumption. Microcontrollers
consume less power than wireless transmitters while operating, but must generally operate
for longer time periods, particularly if significant computation is being done locally to avoid
sending large amounts of data wirelessly.

Often, the duty cycle of the components can be adjusted to reduce power consumption,
either by reducing the operating time of the component during each cycle or by increasing
the time between uses of the component. For example, in their design of a solar-powered
pulse oximeter, Dieffenderfer et al. included a low-power mode with lower duty cycle for
cases when sufficient solar power is not available [115]. However, since monitoring health is of
utmost importance, the duty cycle must be adjusted with care to ensure that the reliability of
the sensing, data analysis or communication is not compromised. Also, although reducing the
duty cycle reduces the average power, the peak current is typically not impacted. The power
supply must therefore be designed to supply the peak current without a significant loss in
efficiency, as well as supplying the average power for whatever duration is required between
charging cycles.

Designing custom low-power data-processing circuits and wireless transmitters can also
reduce power consumption, such as in the 3-µW glucose-sensing contact lens [112]. However,
if a higher power is permissible, use of off-the-shelf components such as microcontrollers and
radios can reduce cost and improve simplicity of the design and compatibility with legacy
systems. Additionally, it is desirable to operate all components of a system at the same voltage
to avoid additional circuitry to convert between voltages. This is typically in the 3-4 V range,
as shown in the table, which is compatible with complementary metaloxidesemiconductor
(CMOS) circuits and lithium-ion batteries. However, in the case of many thin-film and organic
active electronic devices, particularly TFTs such as the pressure sensitive transistors for HR
monitoring [42], the voltage requirement can be much greater than that of CMOS circuits.
Some types of energy harvesters also produce voltages that are far outside this range or highly
variable. In these cases, power electronics are necessary.

In some sensing mechanisms, a voltage or current is directly generated in response to
a stimulus, allowing the sensor to be self-powered. Examples of self-powered sensors are
the piezoelectric respiration and HR sensors [73, 81], triboelectric respiration and HR sensors
[74, 113], and thermoelectric temperature sensors [25]. However, since requirements for data
processing and communication are significant, a system with a self-powered sensing element
is not necessarily able to be fully self-powered.

In conclusion, a plethora of flexible and wearable medical devices have been demonstrated
with applications in vital signs monitoring, electronic skin, and epidermal and implantable
medical sensing. Most of the reported devices utilize flexible, stretchable, and lightweight
materials for fabricating the biosensors. The data processing and transmission requirements
were met using silicon-based electronics. This scheme allowed the best use of both soft and
hard electronics. In this chapter, we listed and discussed flexible and wearable vital monitoring
devices, focusing on biosignals such as temperature, HR, respiration rate, blood pressure, pulse
oxygenation, and blood glucose. We hope that this chapter will provide readers with the
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underlying sensing principle, sensor fabrication, data processing and power requirements of
these novel biosensors. We also hope this chapter will convince readers that with further
improvement of the biosensors coupled with low-cost and large-area processing capabilities,
the promise of soft bioelectronic and biophotonic sensors and its applications in monitoring
vital signs monitoring is enormous.

1.5 Scope of this thesis

This thesis describes the design, fabrication and system-level implementation of the printed
bioelectronic and biophotonic sensors for wearable health monitoring. The subsequent chap-
ters will present sensing methodology, design criteria, fabrication, and applications of printed
medical sensors. The main topics covered in this thesis are:

1. Chapter 2: Printed bioelectronic electrodes for bioimpedance spectroscopy, ECG, and
EMG.

2. Chapters 3, 4, and 5: Printed biophotonic sensors for blood and tissue oximetry

3. Chapter 6: Integration of printed sensors to flexible hybrid electronics for wearable health
monitoring

Chapter 2 presents the fabrication and low-temperature sintering (≈ 200 ◦C) technique
to fabricate gold electrodes. Bioelectronic interfaces require electrodes that are mechanically
flexible and chemically inert. Flexibility allows pristine electrode contact to skin and tissue,
and chemical inertness prevents electrodes from reacting with biological fluids and living tis-
sues. Therefore, flexible gold electrodes are ideal for bioimpedance and biopotential measure-
ments such as bioimpedance tomography, ECG, electroencephalography (EEG), and EMG. In
this chapter, we present a manufacturing process to fabricate gold electrode arrays on plas-
tic substrates. At low-temperature sintering conditions, lines of different widths demonstrate
different sintering speeds. Therefore, the sintering condition is targeted towards the widest fea-
ture in the design layout. Manufactured electrodes show minimum feature size of 62µm and
conductivity values of 5 x 106 Sm−1. Utilizing the versatility of printing and plastic electron-
ics processes, electrode arrays consisting of 31 electrodes with electrode to electrode spacing
ranging from 2 mm to 7 mm are fabricated, and used for impedance mapping of conformal
surfaces at 15 kHz. Overall, we show the fabrication process of an inkjet-printed gold electrode
array that is electrically reproducible, mechanically robust, and promising for bioimpedance
and biopotential measurements.

Chapter 3 presents an all-organic optoelectronic sensor for pulse oximetry. Pulse oximetry
is a ubiquitous non-invasive medical sensing method for measuring pulse rate and arterial
blood oxygenation. Conventional pulse oximeters use expensive optoelectronic components
that restrict sensing locations to fingertips or earlobes due to their rigid form and area-scaling
complexity. In this chapter, we present a pulse oximeter sensor based on organic materials,
which are compatible with flexible substrates. Green (532nm) and red (626nm) OLEDs are
used with an OPD sensitive at the aforementioned wavelengths. The sensors active layers are
deposited from solution-processed materials via spin-coating and printing techniques. The
all-organic optoelectronic oximeter sensor is interfaced with conventional electronics at 1kHz
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and the acquired pulse rate and oxygenation are calibrated and compared with a commercially
available oximeter. The organic sensor accurately measures pulse rate and oxygenation with
errors of 1% and 2%, respectively.

Chapter 4 reports a systematic study of a reflectance oximeter sensor design in terms of
component geometry, light emitter and detector spacing, and the use of an optical barrier be-
tween the emitter and the detector to maximize sensor performance. The reflection-mode sen-
sor, which consists of light emitters and detectors, is a vital component of reflectance oximeters.
In this chapter, printed red and NIR OLEDs and OPDs are used to design three sensor geome-
tries: (1) Rectangular geometry, where square OLEDs are placed at either side of the OPD;
(2) Bracket geometry, where the OLEDs are shaped as brackets and placed around the square
OPD; (3) Circular geometry, where the OLEDs are shaped as block arcs and placed around
the circular OPD. Utilizing the bracket geometry, we observe 39.7% and 18.2% improvement
in PPG signal magnitude in the red and NIR channels compared to the rectangular geome-
try, respectively. Using the circular geometry, we observe 48.6% and 9.2% improvements in
the red and NIR channels compared to the rectangular geometry. Furthermore, a wearable
two-channel PPG sensor is utilized to add redundancy to the measurement. Finally, IVW and
TM algorithms are implemented to improve the detection of HR from the multi-channel PPG
signals.

Chapter 5 demonstrates a novel flexible and printed sensor array composed of OLEDs and
OPDs, which senses reflected light from tissue to determine the oxygen saturation. Transmission-
mode pulse oximetry, the optical method for determining oxygen saturation in blood, is limited
to only tissues that can be transilluminated, such as the earlobes and the fingers. The existing
sensor configuration provides only single point measurements, lacking 2D oxygenation map-
ping capability. In this chapter, we use the reflectance oximeter array beyond the conventional
sensing locations using a novel sensor configuration. The sensor is implemented to measure
oxygen saturation on the forehead with 1.1% mean error and to create 2D oxygenation maps
of adult forearms under pressure-cuff-induced ischemia. In addition, we present mathemati-
cal models to determine oxygenation in the presence and absence of a pulsatile arterial blood
signal. The mechanical flexibility, 2D oxygenation mapping capability, and the ability to place
the sensor in various locations make the reflectance oximeter array promising for novel medi-
cal sensing applications such as monitoring of real-time chronic medical conditions as well as
post-surgery recovery management of tissues, organs, and wounds.

Chapter 6 reports on interfacing of soft devices, i.e., sensors to silicon ICs for wearable
health monitoring. The interfacing of soft and hard electronics is a key challenge for flexible
hybrid electronics. Currently, a multi-substrate approach is employed, where soft and hard
devices are fabricated or assembled on separate substrates, and bonded or interfaced using
connectors - this hinders the flexibility of the device, and is prone to interconnect issues. In
this chapter, utilizing a process flow compatible with flexible printed circuit board (FPCB)
assembly process, a WSP is fabricated composed of inkjet-printed gold ECG electrodes and a
stencil-printed NiO thermistor. The ECG electrodes provide 1 mVp−p ECG signal at 4.7 cm
electrode spacing and the thermistor is highly-sensitive at normal body temperatures, and
demonstrates temperature coefficient, α ≈ -5.84 % K−1 and material constant, β ≈ 4330 K. This
sensor platform can be extended to a more sophisticated multi-sensor platform where sensors
fabricated using solution processable functional inks can be interfaced to hard electronics for
health and performance monitoring, as well as internet of things (IoT) applications.
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Finally, Chapter 7 provides an overview of the future directions with printed bioelectronic
and biophotonics sensors. In addition, discusses potential application scenarios of flexible hy-
brid electronics in medical/environment/agricultural/structural sensing. Particular attention
is given to the topics listed below:

1. Integrated bioelectronic and biophotonic bandage for wound monitoring

2. Wearable multi-sensor platform for continuous health monitoring

3. Printed large-area sensor array for structural health monitoring (SHM)

4. Flexible hybrid electronics for industrial and environmental monitoring

A pictorial overview of the thesis is provided in Fig. 1.9.
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Chapter 2 Chapter 3

Chapter 4

Chapter 5 Chapter 6

Figure 1.9. Pictorial overview of this thesis. Chapter 2 presents the fabrication and low-
temperature sintering of printed gold electrodes for bioelectronic interfaces. Chapters 3

presents an all-organic optoelectronic sensor for pulse oximetry. Chapter 4 discusses the de-
sign, sensing methodology, fabrication of printed reflectance oximeters. Chapter 5 presents a
flexible organic reflectance oximeter array, which is used for blood and tissue oximetry. Chap-
ter 6 discusses a key enabling technology for flexible and printed sensors - flexible hybrid
electronics, where soft sensors are interfaced with hard silicon-based ICs for wearable health
monitoring.
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Chapter 2

Printed biopotential and bioimpedance
electrodes

2.1 Introduction

Bioelectronic electrodes are essential in electrophysiology, the scientific field that investi-
gates the relationship between electricity and life. Since the advent of electrophysiology in 1783

marked by Luigi Galvani’s experiment of electrical stimulation of a frog leg, electrodes have
been used to transduce the body’s ionic current to electronic current and vice versa [111]. These
bioelectronic electrodes can be utilized for both bioimpedance and biopotential measurements
(Fig. 2.1). In biopotential measurements, differential voltage measurements are done on skin
and tissue (Fig. 2.1a,b). For example, in ECG, a set of electrodes are used to pick up the elec-
trical depolarization signal of the heart that provides the cardiac rhythm of the patient [117]
(Fig. 2.1b). Similar to ECG, electrodes can be used to pick up electrical signals produced by
skeletal muscles, which is known as EMG (Fig. 2.1a). In the case of bioimpedance tomography,
a small amount of alternating current is sourced through the tissue, and the resultant voltage
signals are recorded using an array of electrodes (Fig. 2.1c). Then, various biological tissues
are electrically differentiated depending on the complex impedance of the tissues. The contrast
between two different types of tissues, for example, lean and fatty tissue can be picked up
using this technique, and reconstructed graphically [118]. For bioimpedance and biopotential
measurements, the interface between the electrode and the body is crucial, any disturbance at
the interface creates unwanted noise artifacts or even invalidates the measurement [119]. Flexi-
ble electronics and optoelectronics are highly promising for creating high-fidelity bioelectronic
and biophotonic interfaces [4, 90, 120, 121]. The elasticity of flexible electronics allows skin-like
devices, which are bendable and stretchable [3, 122]. Hence, medical devices fabricated using
flexible materials have the potential to interface better with the human body when compared
to rigid electronics.
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Figure 2.1. Printed electrodes for biopotential and bioimpedance measurements. (a) A
printed electrode array is utilized on the arm to record EMG signal. Here, the electrode array
covers a large area to sense biopotential signal from the arm muscles. (b) A printed electrode
array is utilized on the lower-left ribcage to record ECG signal. The ECG electrodes are placed
in a manner to maximize the ECG signal magnitude, which originates at the heart. The sensor
placement locations are limited for ECG electrodes. (c) A printed electrode array is utilized for
bioimpedance spectroscopy. Here, the array can be used to measure the complex impedance of
tissues. The bioimpedance array can be placed on any part of the body to quantify the contrast
among various types of tissues.
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2.2 Printed electrodes for bioelectronic interfaces

Fabrication of flexible medical devices has heavily relied on processing techniques such as
metal evaporation, atomic layer deposition, photolithography processes, and transfer printing
[123, 124]. In contrast, printing methods, which use relatively inexpensive tools and mild pro-
cessing conditions [123, 125] can also be used to fabricate flexible medical devices [3, 4]. Among
other printing techniques, inkjet-printing is promising for fabricating bioelectronic electrodes
because inkjet-printing is a non-contact, direct, additive printing method with minimal waste
of materials. Additionally, inkjet-printing allows easily changeable layouts, which drastically
reduce turn-around times for multiple design iterations.

Although the use of inkjet-printing to fabricate biosensors is well-described [102, 106, 126],
the number of inkjet-printed flexible medical devices in literature is still limited. Jensen et al.
utilized inkjet-printed gold nanoparticle electrochemical arrays on heat resistant polyimide
Kapton substrate for immunodetection of a cancer biomarker protein [127]. Jalo et al. demon-
strated inkjet-printed antennas on plastic substrates using silver nanoparticle ink, and opti-
mized antenna design for Bluetooth signal transmission from the human body surface[128].
While silver can be used for interfacing sensors to electronics, silver reacts chemically to bodily
fluids, which makes silver undesirable for direct body and skin interfaces [129]. Alternatively,
organic conducting polymer, PEDOT:PSS can be used for fabricating high-performance bio-
electronic electrodes [34]. That said, gold remains the metal of choice for fabricating electrodes
for biomedical applications. Gold is a high work function metal, hence it demonstrates su-
perior stability and inertness when in contact with aqueous media, biological fluids, or living
tissues. To summarize, although bioelectronic electrodes can be fabricated in different ways by
using conductive materials [12, 130–132], there is still a lack in the materials science literature
of the description of robust and efficient inkjet-printed electrode arrays with applications in the
biomedical field.

In this chapter, we report on the fabrication of inkjet-printed flexible gold electrode arrays
on plastic substrates that can be used in wearable biomedical applications. These electrode
arrays are printed using a gold nanoparticle ink, and the sintering conditions are adjusted to
plastic-compatible temperatures around 200 ◦C. At low-temperature sintering conditions, lines
of different widths demonstrate different sintering speeds. We observed that this is due to a
diffusion-controlled mechanism of sintering, which depends on surfactant displacement and
solvent evaporation. Therefore, the optimum sintering condition is targeted towards the widest
feature in the design layout. To enhance mechanical compliance, laser-cut free-standing elec-
trodes are used, which interface better to curved surfaces. Overall, in this chapter, practical
considerations for inkjet-printing reproducible and robust flexible arrays are described, which
can be used for bioimpedance and biopotential measurements such as bioimpedance tomog-
raphy, ECG, electroencephalography (EEG), and EMG. Here we focus on the array fabrication,
low-temperature sintering, and the methodology used for mapping impedance on conformal
surfaces.
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Figure 2.2. Fabrication process for manufacturing the printed electrode array. (a-e) Isometric
views and corresponding cross-sectional views of the process steps are shown side by side. (a)
Gold nanoparticle ink is inkjet printed on PEN substrate. (b) After low-temperature sintering,
a thin (100 nm) dielectric layer of a fluoropolymer (Cytop) is spun to encapsulate the gold
traces. (c) To expose the electrodes, oxygen (O2) plasma etching is used in conjunction with a
shadow mask. (d) Plasma etched electrodes are shown, which will be in contact with the sensed
surface. At this point, traces are encapsulated and the electrodes are exposed, as shown in the
cross-sectional view. (e) CO2 laser is used to cut out freestanding electrodes. (f) Finished array
after laser cutting electrodes. (g) Electrode array after bent to 5 mm radius - cutout electrodes
extend like freestanding flaps, which aid in reaching into deeper parts of the sensed surface.
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2.3 Flexible inkjet-printed gold electrode array

Inkjet-printing is promising for fabricating gold electrode arrays since it is a non-contact,
digital, and additive printing method. In contrast to other printing methods such as screen
printing, which uses high viscosity inks with surfactants, inkjet-printing uses low viscosity
inks - this allows printing of high-purity materials with no binders [133]. Most common types
of conductive ink used in inkjet-printing are metal micro and nanoparticle dispersions, metal
precursor solutions, conducting polymer solutions, and nanocarbon material dispersions [134].
Because gold is highly stable and remains inert when in contact with biological fluids or living
tissues, we employed gold nanoparticle ink for the array fabrication.

The flexible arrays are inkjet-printed on a 45 µm thick planarized PEN substrate: Teonex
Q65FA Teijin-DuPont. The process steps are illustrated in Fig. 2.2a - e, where process steps and
corresponding cross-sectional views are shown side by side. Gold nanoparticles are printed
with 10 pL drops at 30 µm drop spacing. Less than 25 µm drop spacing created bulge instability,
while higher than 35 µm drop spacing resulted in isolated drops, which did not merge to form
continuous lines. The wet ink is then dried and sintered using the low-temperature sintering
process. At low-temperature sintering conditions, sintering time depends on the ink volume of
the printed features - the wider and more voluminous the line, the longer the sintering time.
Therefore, the optimized sintering condition was targeted towards the widest features in the
array, which are 350 µm pads. In the bioelectronic configuration, electrodes are used to extract
voltage or current signal from skin or tissue, which is then carried by the traces to the external
part of the circuit. Hence, the traces are electrically encapsulated, and the electrodes are kept
open for direct electrical contact. A thin layer of a fluoropolymer (Cytop) is deposited using
spin coating to encapsulate the traces (Fig. 2.2b). Since the encapsulation layer is thin (100 nm),
it did not hinder the contact between the electrode and the sensed surface. In addition, Cytop
proved quite robust to acids, alkaline, and organic solvents. Also, the hydrophobic nature of
the thin Cytop coating properly encapsulated gold traces from bodily fluids.

O2 plasma etching in conjunction with a shadow mask was used to create vias in the Cytop
to expose the electrodes (Fig. 2.2c). The cross-sectional view in Fig. 2.2d shows the traces are
covered with Cytop, and the electrodes are exposed. CO2 laser cutting was also explored as an
alternative to O2 plasma etching to create vias. The CO2 laser deposited sub-products of the
degraded Cytop on the sidewalls while creating vias, creating bumps that are not desirable for
electrode contacts (Fig. 2.3a,c). On the contrary, O2 plasma created clean cuts (Fig. 2.3b,d,e).
Therefore, for creating vias, O2 plasma etching was chosen over CO2 laser cutting. Finally, the
CO2 laser is used to cut around the electrodes to create freestanding flaps. Since these flaps
are mechanically constrained from only one side, these demonstrated better compliance than
uncut electrodes in reaching deeper parts of the sensed surfaces. For example, in a surface
wound sensing scenario, the array needs to conform to a surface with cuts in the range of a
few millimeters deep. The freestanding flaps can reach into cuts that are a few millimeter deep,
while the uncut electrodes remain over the cut, resulting in no electrical contact.

A finished array is shown in Fig. 2.2f. The 45 µm thick PEN substrate is quite flexible.
Also, the laser-cut freestanding electrodes enhance the conformity of the array. Fig. 2.2g shows
a zoomed view of the free-standing electrodes. In this case, the array was bent to 5 mm
radius of curvature. These cut-out flaps have better flexibility because they are confined to the
substrate from just one direction.
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Figure 2.3. Methods for removing the dielectric layer (Cytop) from the electrodes. (a) Laser
drilling to open via through the dielectric layer. (b) O2 plasma etching using a shadow mask to
selectively etch the dielectric layer. The surface profile of an electrode after (c) laser drilling and
(d) plasma etching. (e) Micrograph of an electrode after plasma etching - etched area encircled
by a dark Cytop layer, which is clearly visible; also the exposed electrode is shown.

For testing the efficacy of the cutout array over the flat array, both arrays are used to map
a surface with different sensing depths as shown in Fig. 2.4. These topography mapping tests
are designed to mimic biological surfaces that are few millimeters deep. Both the flat and the
cutout array are placed over a metallic mesh, which is the sensed surface, and glass slides are
placed on top of the mesh to emulate sensing depths ranging from 0.5 mm to 5 mm (Fig. 2.4a
and b). Electrical resistance measurements from electrode pads to the metallic mesh are done
using a multimeter to verify proper electrode to surface contact. Resistance values similar to
the line resistances of the electrodes are considered as a ’successful’ contact, and significantly
higher resistance values are deemed as an ’unsuccessful’ contact. The results are presented in
the bar chart in Fig. 2.4c. The flat and the cutout array perform similarly with higher than 90%
successful contacts for sensing depths of ranging 0.5 and 1 mm. For sensing depths higher
than 1 mm the cutout array retains the performance, while the flat array performance degrades
significantly. This is due to the fact that at higher sensing depths the array needs to bend up
as shown in Fig. 2.4d and e, and electrodes that are confined to the substrate also bend up,
which results in no contact between the electrode and the surface. Most of the electrodes at
the edge of the step-height do not make contact for the flat array. At higher sensing depth
(2 mm and beyond), the second layer of electrodes of the flat array starts to lift up, which is
why successful contacts percentage drops to around 50%. On the other hand, the cutout array
allows electrodes to move freely and make contact to the surface, therefore, a high-fidelity
electrode to surface contact can be established (Fig. 2.4e). In Section 2.7, these electrodes are
used for surface impedance mapping of convex and concave surfaces, which mimic surfaces to
be sensed in biomedical applications.
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Figure 2.4. Topography coverage comparison between the flat array and the cutout array. (a)
A schematic overview of the topography coverage test setup - the array is placed on a metallic
mesh, and glass slides on top of the mesh emulate a step-height. Resistance measurements
are done from the electrode pad to the metallic mesh to confirm electrode-surface contact. (b)
Optical image of the setup - the electrode array, the metallic mesh, and the glass slides are
shown. (c) A bar chart depicting the percentage of successful electrode-surface contacts by
the flat and the cutout array for various sensing depths. Clearly, the cutout array (green bars)
provides significant edge over the flat array (red bars) for sensing depths over 1 mm. The error
bars represent data collected from five separate runs. (d-e) Close-up images collected from the
dotted region in (b) (at the step-height) for the flat array and the cutout array, respectively. (d)
Electrodes at the step-height in the flat array do not touch the surface of the metallic mesh
because the 2 mm thick glass slides bend the whole array upward, resulting in an unsuccessful
electrode-surface contact. (e) The cutout array also bends upward at the interface, however, the
cutout electrodes are not confined to the array, therefore, the electrodes can make a conformal
contact, resulting in a successful electrode-surface contact.
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Figure 2.5. Time-dependent thermal deformation of PEN, Teonex Q65FA Teijin-DuPont. (a)
Deformation Radius of Curvature (RoC) versus time plot for 2 cm x 2 cm pieces of PEN. Four
different conditions were explored at 180 and 200 ◦C, where samples were left on top of the
hotplate (Freestanding) and taped on top of the hotplate (Taped). (b) Optical images of the
samples heat-treated for 6 hours, demonstrating thermal deformation (’†’ symbols correspond
to the heat-treatment conditions).

2.4 Plastic-compatible low-temperature sintering

Although gold is promising for bioelectronic electrode fabrication, processing inkjet-printed
electrodes on plastic substrates is challenging. Gold nanoparticle ink requires high sintering
temperatures, in the range of 250 ◦C, which is above the melting temperature of the most com-
mon plastics used in flexible electronics, such as polyethylene terephthalate (PET) and PEN.
This high processing temperature is suitable for inorganic surfaces like silicon [135]. Moreover,
PET and PEN undergo thermal deformation at temperatures higher than the glass transition
temperature (Tg) [136]. A common practice in sintering lab-scale printed films to mitigate sub-
strate deformation is to tape down films to the hotplate. Therefore, all the samples reported
in this paper were sintered while taped down to the hotplate. A time-dependent thermal de-
formation plot of the heat-stabilized variant of PEN film is shown and discussed in Fig. 2.5.
For printing gold on plastics, custom-made formulations with tailored particle sizes and sur-
factant chemical structures have to be synthesized [137–139]. Additionally, sintering studies in
the literature focus on deposited films [140], while electrode arrays have traces, electrodes, and
pads of different geometries and widths. Here, we performed low-temperature sintering of a
gold nanoparticle ink and studied different printed geometry and the corresponding sintering
characteristics.

To understand the relationship between printed trace linewidth and sintering conditions,
traces with widths of 62 µm, 119 µm, and 176 µm were sintered at several combinations of
sintering temperature and time, as shown Fig. 2.6a - c. The standard sintering condition for
the gold nanoparticle ink is 250 ◦C for 1 hour, and resistivity of 5.6 x 10−8

Ωm is attained



CHAPTER 2. PRINTED BIOPOTENTIAL AND BIOIMPEDANCE ELECTRODES 38

Figure 2.6. Electrical resistance of inkjet-printed gold lines for several sintering conditions.
(a-c) Resistance versus sintering time plots for lines of three different widths (62 µm, 119 µm,
and 176 µm) - shown in the insets (n = 3 for the error bars). These lines were sintered at
150 ◦C (cyan squares), 180 ◦C (orange circles), and 200 ◦C (blue inverted triangles). While
the 62 µm lines in a) show similar resistance after 6 hours of sintering at all three sintering
temperatures, the 176 µm lines in (c) remain highly resistive after 6 hours of sintering at 150
◦C. (d-f) Resistance data grouped by sintering temperatures for better visualization. Red bars
represent 62 µm lines, green bars represent 119 µm lines, and purple bars depict 176 µm lines.
(f) A clear transition from high resistance to low resistance is seen for all three lines widths at
200 ◦C after 2.5 hours of sintering.
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Figure 2.7. Printed four-point probe structure and height profiles of the printed lines for the

sintering study. (a) Four-point probe structure used in the sintering study. (b) Surface profiles
of the printed gold lines with the three different widths studied in this work.

for printed lines sintered at this condition. We show that it is possible to achieve resistivity
values of similar magnitude if we use a lower temperature for a longer time. For instance, 2.0
x 10−7

Ωm was obtained for printed lines (176 µm wide) sintered at 200 ◦C for 6 hours. In
general, the lower the temperature, the longer it takes to attain a level of low resistance, as
expected.

The dependence of sintering speed on trace linewidth can be seen in Fig. 2.6a - c. This
effect becomes apparent in Fig. 2.6d - f, where resistance values are plotted separately for each
individual temperature studied, and each linewidth is represented by a color-coded bar. From
the bar charts, a conclusion can be drawn that under low-temperature sintering conditions,
wider lines take a longer time to sinter compared to the narrower lines. Therefore, if the sin-
tering condition is not properly chosen, very heterogeneous electrical properties are expected
in an electrode array with traces of varying width. For example, the narrower traces will be
conductive while the wider pads will remain non-conductive. In our experiment, the 62 µm
lines have an average resistance of 23.8 Ω after 6 hours at 150 ◦C (Fig. 2.6a), and 176 µm lines
have an average resistance of 264 kΩ under the same conditions (Fig. 2.6c). In other words, for
each sintering temperature there is a specific time for which the lines go through a transition
regime after which they become conductive, and inside this transition zone resistance can vary
orders of magnitude for lines of different width. For 62 µm lines, the transition time is 6 hours
at 150 ◦C, 2.5 hours at 180 ◦C, and 1 hour at 200 ◦C.

Linewidths for our samples scale in a ratio of 1:2:3 and the cross-sectional area of such
lines have roughly the same proportion (described in Fig. 2.7). As for any specific combination
of temperature and time in our sintering procedure, thermal energy is delivered to the samples
with a fixed rate, it is reasonable to affirm that the impact of the heat transfer will be more
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Figure 2.8. Topography analysis with AFM. (a) AFM image of a printed line sintered on a
hot plate for 2.5 hours at 200 ◦C. (b) AFM image of a printed line sintered in an oven for 1

hour at 250 ◦C. The printed trace in a presents resistivity, ρa = 1.3 x 10−6
Ω m, while printed

trace line in b provides resistivity, ρb = 5.6 x 10−8
Ω m. (c-d) The size distribution and average

particle size of the printed lines in a and b, respectively. The size distribution was obtained
by analyzing the AFM images of sintered lines. The particle sizes show a normal distribution
with an average diameter of ranging from 35 to 47 nm.

intense for lines with less ink, and vice-versa. In other words, the wider (more voluminous)
the line, the slower the effects of heating, and the lower the sintering speed.

2.5 Sintering mechanism

To study the underlying sintering process and the origin of the dependence of sintering
speed on trace linewidth, topography and cross-sectional morphology of the sintered films
were imaged with AFM and SEM. These images are shown in Fig. 2.8 and Fig. 2.9. All the
printed structures in this report, regardless of different linewidths, presented a surface mor-
phology displaying quasi-spherical, uniformly distributed particles with an average diameter
of ranging from 35 to 47 nm, as depicted in Fig. 2.8. Such particle diameter is only slightly
bigger than the original 12 nm diameter the nanoparticles had in the liquid ink. Using the
sintering condition of 180 ◦C for 2.5 hours, we observed significant variation in conductiv-
ity for the three linewidths studied (Fig. 2.6e). Interestingly, SEM images of the three trace
linewidths (sintered at 180 ◦C for 2.5 hours) show that particles have approximately the same
average diameter mentioned above across all the film thickness (Fig. 2.9a - c). Therefore, it can
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Figure 2.9. Cross-sectional morphology analysis with SEM. (a-c) are SEM images of the cross-
sectional morphologies of the inkjet-printed gold lines. The printed lines were sintered on a
hot plate for 2.5 hours at 180 ◦C. This sintering condition was chosen for the SEM analysis due
to the reason that we observed significant variation in conductivity for the three linewidths
sintered at 180 ◦C for 2.5 hours. Dimensions at the top left corner indicate the trace linewidth.

Figure 2.10. EDX on printed traces. (a) SEM showing printed traces on a silicon substrate and
the arrow indicates the location from where EDX was collected. (b) and (c) EDX spectrum for
lines sintered at 150 ◦C and 200 ◦C for 6 hours, respectively.
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be inferred that the sintering stage in the low-temperature regime has a weak correlation with
particle size.

The mechanism through which conducting traces are formed from metallic nanoparticle-
based inks is already well comprehended, and involves a few steps: (a) ink drying, (b) surfac-
tant melting and removal from around the particles, (c) particle coalescence, (d) crystallization,
(e) necking, (f) Ostwald or digestive ripening, and finally (g) particle growth [141, 142]. Specifi-
cally in the earlier stages of the process, pre-sintering (or curing) events related to the surfactant
molecules take place, which include melting of the organic layer and the formation of a super-
lattice in which the particles can make direct contact and a percolation path for electrons is
formed [141, 143]. Fig. 2.8a shows a gold line sintered on a hotplate at 200 ◦C for 2.5 hours and
Fig. 2.8b shows a gold line sintered at 250 ◦C for 1 hour in the oven (recommended by the ink
manufacturer). Although some formation of necking and fused clusters of gold are observed
in Fig. 2.8b, the particle size increased to average diameter of 47 nm compared to the particles
in Fig. 2.8a, which had average diameter of 35 nm. However, there is a stark difference in
resistivity between the two lines. The line sintered at a higher temperature and shorter time
presents resistivity almost two orders of magnitude lower (ρ = 5.6 x 10−8

Ω m) than the one
sintered at lower temperature and longer time (ρ = 1.3 x 10−6

Ω m). From these observations,
we can conclude that for our nanoparticle ink, the sintering stage and line conductivity cannot
be unequivocally deduced from particle size.

From the weak correlation between particle size and resistivity change in this study, we
speculate that the increase in conductivity for the gold lines is primarily driven by a solvent
and surfactant-related phenomenon. To verify the effect of solvents, we performed EDX on
two lines sintered at 150 ◦C and 200 ◦C for 6 hours, and observed the ratio of carbon to gold
peak, IC/Au (described in Fig. 2.10). For the line sintered at 150 ◦C, IC/Au was .25, and for
the line sintered at 200 ◦C, IC/Au went below the detection limit of the instrument. We can
conclude that at the lower sintering temperature trapped solvent resulted in high IC/Au, while
at 200 ◦C solvents were evaporated and the surfactants were displaced from the surfaces of the
nanoparticles. Additionally, at this range of temperatures, typical surfactant molecules melt
[142]. And with the longer sintering time nanoparticles can approach and merge, forming a
percolation path and causing line resistance to decrease several orders of magnitude [142]. Such
particle rearrangement, which eventually culminates in the formation of the already mentioned
superlattice [143], usually happens in a matrix of molten surfactant and is a diffusion-controlled
process. Thus, the dependence of sintering speed on trace linewidth observed here is due to
the diffusion-based mechanism of sintering.

2.6 Electrical reproducibility and mechanical robustness of the printed

array

While we printed multiple array layouts, in this report we focused on two specific array
designs: (1) 31 electrodes arranged in a hexagonal pattern to cover approximately 16 cm2 area
(Fig. 2.11a). Here the electrodes have 150µm radii and are placed 7 mm apart, this sparse
packing allows the flexure cuts using CO2 laser. The laser cuts are around 200µm wide as
shown in Fig. 2.11a inset. The cutout electrodes demonstrated higher mechanical compliance
than the array without flexure cuts. (2) In this design, the sensing area is limited to 2 cm2, and
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the electrodes have 100µm radii and are placed 2 mm apart, using the same hexagonal packing
(Fig. 2.11b). This design did not allow flexure cuts because the spot size of the CO2 laser is
over 200 µm, and cutting around the traces damaged the printed gold. Therefore, for creating
reproducible printed arrays, we opted not to use flexure cut for the 100µm radii microelectrode
array (Fig. 2.11b inset).

Sheet resistance (Rs) of the 31 electrodes of the two designs are shown in Fig. 2.11c and
d. Both designs show Rs in the range of 0.28 to 0.36 Ω/sq, while the larger array demonstrates
stricter packing in the histogram - 0.30 to 0.34 Ω/sq (Fig. 2.11c). A slight deviation in Rs in the
microarray may have resulted from probe-electrode contact resistance (Fig. 2.11d). The traces
are approximately 0.6 µm thick, which yields resistivity, ρ = 1.92 x 10−7

Ω m. Here the low-
temperature sintering process (200◦C for 6 hours) was used. Printed features strongly adhere
to the substrate and are stable to flexions as shown in Fig. 2.11e. The printed traces survived a
simple tape test. Furthermore, we monitored the resistance of a printed line while bending to
the radius of 5 mm and 10 mm, also twisting to an angle of 30◦. For the bending test, the array
was bent on cylinders with radius of 5 mm and 10 mm, and for the twisting test, the array was
twisted to an angle of 30◦ while keeping one end anchored, as shown in the right schematic of
Fig. 2.11e. There was no significant change in resistance during the bending and twist tests.
Resistance data while bending remained stable, while the majority of the noise in the twisting
test resulted from the contact resistance and instrumentations.

2.7 Electrical impedance mapping of two-dimensional surfaces using

the printed array

The lightweight and flexible nature of the printed arrays provides a significant edge over
conventional FR4 printed circuit boards in two-dimensional (2D) surface impedance mapping.
We used the printed array to map out the surface impedance of various 2D surfaces. Since the
array is tailored for biomedical applications, we tried to simulate different surfaces on which
the array would be used. The instrumentation setup for the surface mapping in shown in Fig.
2.12a. The array is connected to a control board, which hosts a microcontroller and a set of
multiplexers (MUXs) so that a connection can be made to two distinct electrodes for taking the
impedance measurement. A computer program switches among the electrodes, then collects
and transmits data for each selected pair. Using the collected impedance data, a 2D map is
created by interpolating the data as shown in Fig. 2.12a. While various algorithms can be used
for reconstructing the surface, nearest-neighbor interpolation demonstrated the best results.

Three different surfaces were chosen to test the efficacy of the array: (1) Flat surface (Fig.
2.12b), (2) Convex surface (Fig. 2.12c), and (3) Concave surface (Fig. 2.12d). Corresponding
impedance maps are shown in Fig. 2.12e, f, and g. Images of the experimental setup are shown
in Fig. 2.12b, c, and d. In the case of the flat surface, the array is placed on top of a metallic mesh
and an insulating film shaped in the form of the letter ”C” is placed in between the metallic
mesh and the electrode array. Using the impedance meter and the control board impedance
data was collected from the surface. Extracted data after the reconstruction is shown in Fig.
2.12e. Here, we show the phase data at 15 kHz. Since the current at 15 kHz strongly interacts
will cell membranes, we chose this frequency.

Similar surface impedance data is collected from a convex surface with a 5 mm bending
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Figure 2.11. Electrical reproducibility of the printed arrays across different designs. (a and
b) Two different array designs and micrographs. Corresponding sheet resistances, Rs of the
arrays are shown, respectively, in (c) and (d). (a) A larger array with 31 electrodes covering 16

cm2 area (electrode radii = 150 µm). Electrodes are packed in a hexagonal fashion with 7 mm
spacing. Flexure cuts are visible, which are around 200 µm wide (blue inset). (b) Microelectrode
array with 31 electrodes covering 2 cm2 area. The 100µm radii electrodes are densely packed
with 2 mm spacing. (c and d) Sheet resistance of the larger and the microarray. Error bars
signify data from 5 arrays for each design and standard deviation of the data sets. From the
histograms, it can be inferred that the larger array shows strict packing in terms of Rs, however
both designs show relatively close mean Rs: 0.30 Ω/sq for the larger array and 0.34 Ω/sq for
the microarray. (e) The mechanical robustness of the printed arrays. Bending and twisting
tests are performed on the printed traces. The arrays are bent to 5mm (red line) and 10mm
(green line), and torsionally loaded to 30 ◦ angle of twist (purple line). Most of the noise in the
measurements resulted from the contact resistance and instrumentations. The schematics on
the right shows the conventions used for the bending and twisting tests.
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Figure 2.12. Electrical impedance mapping of conformal surfaces using the printed array

with flexure cuts. (a) Impedance mapping setup: the printed array is connected to a control
board, where a set of multiplexers (MUXs) switch connections among electrodes, and the signal
is fed to an impedance meter. A control program reads the data collected by the impedance
meter and spatially maps the impedance of the sensed surface. (b-d) An array is used to
spatially map surface impedance of flat and curved surfaces. (b) The array is placed on a flat
conductive surface and used to map the letter ”C” made out of an insulating material. (e) The
contrast between the metal and the insulator is electrically mapped out from the flat surface.
(c and f) The array is placed on a 5 mm convex surface, and used to map the letter ”A” - the
array conforms to the curved surface and the impedance map shows the letter ”A” electrically
extracted from the convex surface. (d and g) The array is used to map a concave surface. The
letter ”L” is shown in the impedance map. For all the impedance measurements, phase at 15

kHz is used.
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radius. The printed array conforms to the curved surface as shown in the cross-sectional image
Fig. 2.12c. In this case, the letter ”A” was imaged, and the phase data at 15 kHz is shown in
Fig. 2.12f, which reconstructs the letter ”A”. For the last test case, the array was placed on a
concave surface. Here, the freestanding electrodes got bent to the curved edges of the sensed
surface, therefore contact to the surface proved robust, and the imaged letter ”L” (Fig. 2.12d),
was reconstructed effectively (Fig. 2.12g). In addition to mapping conformal surfaces, we used
our electrode array to map out pressure ulcers from irregular surfaces such as wounded skin
[3, 144]. Also, electrodes prepared with the same methodology showed to be stable in aqueous
solution and under application of an electric field [106, 145].

2.8 A smart bandage for early detection of pressure ulcers

Chronic skin wounds, a silent epidemic, results in an estimated US$25 billion cost every
year. Lack of a standardized method for wound sensing and monitoring is affecting over 2.5
million patients just in the United States each year [146]. Almost a third of the dermatological
health budget in the US is spent on treating chronic skin wounds [147]. An elegant solution to
this problem can be realized using flexible printed bioelectronics. The scope of flexible electron-
ics stretches beyond electronic gadgets and has the potential to revolutionize both in-hospital
and in-home health monitoring. Flexible electronics for medical sensing is advantageous over
conventional electronics because flexible electronics can efficiently extract biomedical signals
from conformal surfaces without compromising signal quality.

We used printed electrode array, similar to the one described in the previous section,
to map surface wounds. In patients who are bedridden for a long amount of time, pressure
builds up at a localized area on the skin, that results in lack of blood circulation, and eventually
tissue damage (Fig. 2.13a). A pressure ulcer develops that is invisible to the naked eye at an
early stage. Currently, no sensor can detect such damage. We used our electrode array to
non-invasively map the pressure-induced tissue damage as shown in Fig. 2.13b. We used the
sensor array to measure bioimpedance of the skin (Fig. 2.13c), and observed that impedance
measurements of tissues correlate better tissue health with more reactive impedance values.
And damaged tissue due to pressure, demonstrated less reactive impedance values. Impedance
was robustly correlated with tissue health across multiple animal samples, in a rat model.
The flexible electrode array provided a significant edge over conventional rigid printed circuit
boards by conforming to the skin and reaching deep into the wound.

The choice of frequency to was determined by the electrical model of impedance spec-
troscopy (Fig. 2.13d). Cells float in a conductive liquid called extracellular fluid. Cell mem-
branes can be modeled as dielectric barriers between the conductive extracellular and intra-
cellular fluids. The high-frequency current (>1 MHz) passes without much interaction, thus
carries small information about the cell membranes, same goes for low-frequency current (< 5

kHz), which goes through the extracellular fluid. At 15 kHz strong interaction with the mem-
branes yields significant information about the cell membranes. Therefore, we used impedance
measurements at 15 kHz for determining a damage threshold [3].

In a rat model, we used magnets to induce tissue damage (Fig. 2.14). The damage can be
classified in the following categories: (1) Irreversible damage, which was detected both visually
and electrically (Fig. 2.14a); (2) Reversible damage, which was detected electrically but not visu-
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Figure 2.13. A smart bandage for early detection of pressure ulcers. (a) Different stages of
ulcer formation. Over time, due to pressure build-up and loss of blood circulation, a skin
ulcer develops. (b) Smart electronic bandage for early detection of pressure ulcers. (c) Magni-
tude and phase of the bioimpedance are used to create a damage threshold parameter, which
electronically detects ulcer formation. The results are confirmed by histology analysis. (d)
The electrical model of impedance spectroscopy. Cells float in a conductive liquid called ex-
tracellular fluid. Cell membranes can be compared to dielectric barriers between the conduc-
tive extracellular and intracellular fluids. High-frequency current (>1 MHz) passes without
much interaction, thus carries small information about the cell membranes, same goes for low-
frequency current (< 5 kHz), which goes through the extracellular fluid. At 15 kHz strong
interaction with the membranes yields significant information about the cell membranes.
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Figure 2.14. Early detection of pressure-induced tissue damage. Magnets were used to cre-
ate a pressure ulcer model on rats in vivo. The damage can be classified in the following
categories: (a) Irreversible damage, which was detected both visually and electrically; (b) Re-
versible damage, which was detected electrically but not visually; and (c) No damage, where
the damage was not detected visually or electrically. Histological analysis indicated loss of epi-
dermis (1) and ulceration when there was irreversible tissue damage, hyperkeratosis (2) and
hypergranulosis (3) when the damage was measurable but reversible, and focal hyperkeratosis
(4) in the scenario where no damage is detected. Representative wound images with sensor
locations indicated, damage parameter maps obtained from those wounds using flexible and
rigid sensor arrays, and histology results are shown for each scenario. Dashed light blue circles
indicate where the pressure was applied to the skin, orange and dark blue hexagons indicate
the location of the flexible and rigid arrays on the wound, respectively, and grey dots represent
the electrodes. Scale bars, 1 cm (for wound photos) and 100 mm (for histology images). [3]
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Figure 2.15. Impedance maps identify mild, reversible pressure damage. (a) The progression
of reversible pressure damage created with a 1-h ischemia cycle is shown on days 13. Dashed
grey circles indicate where the pressure was applied and dots represent the placement of the
electrodes. Slight discoloration of the skin is observed immediately after removing the magnets,
but no ulcer develops. Impedance magnitude and phase were measured with the rigid printed
circuit board array. Damage is detected electrically on day 2 even with no visible evidence of
the pressure damage, demonstrating the early detection capability of the device. (The small
abrasion to the right of the measured area was irritation from hair removal.) Only a small
region of damage remains on day 3. Scale bar (1 cm) applies to all wound photos. (b) A
Bode diagram showing the impedance magnitude and phase versus frequency of No damage
and Damage regions on days 13. A representative electrode pair was selected from each region.
The circle markers indicate the measured data values, whereas the lines and the shaded regions
indicate the estimated transfer function and the 95% fit confidence interval, respectively. [3]

ally (Fig. 2.14b); and (3) No damage, where the damage was not detected visually or electrically
(Fig. 2.14c). The electrical detection was based on impedance measurements. A threshold was
set for the measurements taken at 15 kHz. The irreversible damage was detected both visually
and electrically. Reversible damage was detected electrically but not visually as shown in Fig.
2.15. Healthy tissue demonstrates capacitive behavior under impedance spectroscopy. When
the cell membrane gets damages the impedance signature shows a shift towards a resistive
behavior - decrease in impedance magnitude, and phase toward zero. Hence, demonstrate the
cells are getting damaged. With a damage threshold, this change in impedance can be used for
classifying tissue whether it is damaged or not. Thus these results demonstrate the feasibility
of an electronic “smart bandage” for early detection of pressure ulcers.
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2.9 Printed ECG electrodes

ECG records the electrical signals of the heart. ECG is used to monitor HR, cardiac cycles,
and heart problems. It is one of the most used non-invasive medical test, which provides quick
results. In the previous section, we use our printed electrodes to monitor bioimpedance of
tissues. The similar manufacturing process can be used to fabricate ECG electrodes on plastic
substrates as shown in Fig. 2.16a and b. Here, the electrode-to-electrode spacing is higher
(7 cm). We followed a fabrication process similar to the bioimpedance electrodes, where the
highest temperature in this process is 200 ◦C, which is close to the glass transition temperature
of the PEN substrate. The annealing step fuses gold nanoparticles yielding conductive lines
and electrodes. Then an amorphous fluoropolymer (Cytop) was spin coated onto the substrate
surfaces to encapsulate the conductive features, followed by a 150 ◦C bake for 30 min. O2

plasma etching opened the electrodes and connection tabs. A finished sensor photo is shown
in Fig. 2.16a. Since the ECG signal may vary depending on placement on the body, 4 electrodes
were placed along two sides of the substrate this will aid the system software to optimize a
pair of electrodes that yield the maximum signal strength.

For manufacturing consistency, it is essential that the batch-to-batch variability in con-
ductivity be as small as possible. Reproducibility of the process was verified using electrical
resistance data. Printed features demonstrated the conductivity of 8.0 × 104 S cm−1, which is
≈20% of gold’s bulk conductivity (Fig. 2.16c and d). We observed a low standard of deviations
of the mean in the sheet resistance from batch to batch. Four-point probe method was used to
measure the sheet resistance.

Our printed sensor electrodes performed similarly to standard Ag/AgCl electrodes. Fig.
2.17 shows a comparison between our ECG electrodes printed on PEN and standard clinical
Ag/AgCl electrodes. The noise levels in the signals using our printed electrodes were mainly
due to the interconnections between the sensor and the recording unit. The Ag/AgCl electrodes
were placed at the standard clinical positions of V1 and V2. The resultant signals are shown
on the left panel of Fig. 2.17. ECG traces using our electrodes are shown on the right panel
of Fig. 2.17. These traces have average peak heights varying from 0.4 to 0.55 mV compared
to the Ag/AgCl electrodes that had an average peak height of 0.6 mV. The upper trace is for
nodes 4 & 8 on our sensor and shows the same waveform as that observed with the Ag/AgCl
electrodes. Nodes 4 & 8 most closely correspond with the location of the Ag/AgCl electrodes
and are thus the best direct comparison of the two electrodes. Traces from the other printed
electrode combinations, nodes 1 & 4 and 4 & 5, are shown in the lower two figures (Fig.
2.17, right). Average peak heights are again comparable with values of 0.55 mV and 0.4 mV
respectively. These results show that multiple locations can be used to recorded signals capable
of producing HR and HR variation data. This capability could be exploited to compensate for
the loss of signal due to intermittent contact of a particular electrode.

Fig. 2.18 shows the ECG traces using our printed electrodes for the electrocardiographic
V3 and V4 region. Again the average peak heights varied from 0.4 to 0.6 mV and showed
clearly defined peaks at regular intervals. Interestingly, nodes 4 & 5 demonstrated the largest
peak heights while 4 & 8 were at the greatest distance from each other. This body region which
is flatter than the V1 and V2 region and subject to somewhat less stretching demonstrate peaks
with high fidelity that are certainly capable of defining hear rate and HR variation.

Fig. 2.19 shows ECG traces using our printed electrodes and a commercial recording unit
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Figure 2.16. Printed ECG electrodes and characterization. (a and b) Eight electrodes are
printed on a 5 cm × 5 cm planarized PEN substrate, and on Kapton PI substrate, respectively.
(c and d) Line and sheet resistance of the printed electrodes on PEN.
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Figure 2.17. ECG signal comparison between printed electrodes and Ag/AgCl electrodes.

Measurements are taken from the V1 - V2 location.
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Figure 2.18. ECG signal recorded with printed electrodes from the V3 - V4 location.
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Figure 2.19. ECG signal recorded with printed electrodes from the lower left rib cage.
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Figure 2.20. ECG signal recorded with printed electrodes from the V5 - V6 location.
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Figure 2.21. ECG signal recorded with printed electrodes from under the midline of the left

rib cage, then from the back. Signals are not reliable at these locations.
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for the lower left rib cage as shown. The traces show an overall slowly varying baseline not
previously observed, but still have high fidelity peaks with average heights varying from 0.4 to
0.8 mV. With nodes 4 & 8 recording the highest peak heights of all our measurements. Again
the peaks appear at regular intervals and are more than sufficient for calculating HR and HR
variation. The traces again show another potential body location for sensor placement.

Fig. 2.20 shows traces recorded in the electrocardiographic V5 and V6 region with reduced
average peak heights of 0.2 to 0.4 mV. The traces show a slowly varying baseline, but the peaks
remain well defined and HR and HR variation could be calculated from them. This body region
has more curvature than most of the other regions that may limit its usefulness as a potential
sensor location.

Two body regions even further from the heart, the lower rib cage under the midline and the
lower back were also evaluated. Fig. 2.21 shows that poor ECG signals or just noise recorded
from both regions. Overall, the traces in Fig. 2.17 - 2.20 show extremely good waveform
fidelity and very low noise. In fact, the noise level is lower than that of the commercial unit
recording from standard Ag/AgCl electrodes. These results demonstrate the feasibility of
using the printed electrodes for recording ECG signal with high-fidelity. The ECG recordings
above demonstrate that out sensor is equivalent to the standard clinical Ag/AgCl electrodes
and that our circuit is superior to that of the commercial reference unit used on our laboratory.
We have also demonstrated that there are several body regions with different curvatures that
can be used with our sensor to record ECG signals, and that the signals are of sufficient fidelity
to easily calculate HR and HR variation.

2.10 Printed EMG electrodes

Another biopotential signal that can be non-invasively detected by an array of electrodes is
ECG. EMG is a clinical technique for evaluating and detecting the electrical activity produced
by skeletal muscles. EMG records the electric potential generated by muscle cells, which are
electrically or neurologically activated. This signal can be used to detect movement, activation
level, recruitment order, or muscle abnormalities. In this section, we demonstrate the use of
printed electrodes in a EMG-based gesture recognition for human-machine interaction (HMI)
(Fig. 2.22). Since this is an on-going project, here, we show the design of a printed EMG array.
The results from this project will be reported in a later publication. Two types of electrodes
are currently being evaluated: (1) Photolithographically defined gold-plated copper electrodes
(Fig. 2.22a) and (2) Printed gold electrodes (Fig. 2.22c). The EMG system is composed of
the flexible electrodes array and a custom wireless device for 64-channel signal acquisition
and streaming. We use brain-inspired high-dimensional (HD) computing for processing EMG
features in one-shot learning [148].

The EMG signal is recorded from photolithographically defined 4 × 16 gold-plated copper
electrode array all referenced to a single Ag/AgCl patch electrode placed on the elbow. Since
the obtained signal is a mixture of the EMG potentials and time-varying offset and noise, but
the desired feature is the envelope of the high-frequency EMG. Therefore, a preprocessing step
is needed before using the HD classifier.

We obtained EMG gesture data from three healthy, adult male subjects. Each subject
participated in three data acquisition sessions across different days, where the electrode array
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Figure 2.22. Flexible EMG recording system. (a) Photolithographically defined 4 × 16 gold-
plated copper electrode array with attached wireless biosignal acquisition device. (b) The
electrode array is positioned on the arm. (c) Inkjet-printed 4 × 16 gold electrodes array. (d)
The gold electrode array is positioned on the arm.

a

b

Figure 2.23. Results from the flexible EMG recording system. (a) Dataset gestures with the
associated normalized activity maps for different sessions (Subject 1 shown). Pixels correspond
to electrode positions in the array. (b) Classification accuracy for different number of training
trials.
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was reapplied with fresh hydrogel tape for each session. For sessions 1 and 2, the array was
placed in approximately the same position each time. Session 3 data were recorded with
the array in a different orientation 1 week after sessions 1 and 2. Each data set contained
ten trials of four hard gestures (fist, raise, lower, open) (Fig. 2.23a) held for 5 seconds each
in different sequences. Each sequence began and ended with rest, which we treated as a fifth
gesture. Centered 3-second segments of each 5-second gesture were labeled for inclusion in the
testing and training sets. Preprocessed features for each gesture were averaged and arranged
in matrices for visualization as heat maps of muscular activity. The classification accuracy
averaged over all three subjects for training set sizes from 1 to 10 trials is shown in Fig. 2.23b.
Maximum performance (96:64%) is achieved when training on only 3 trials, and training on a
single trial can deliver acceptable accuracy (89:19%) for true one-shot learning. While the data
presented here is from the photolithographically defined 4 × 16 gold-plated copper electrode
array, in our on-going work, we see a similar performance for the inkjet-printed 4 × 12 gold
electrodes array. Another variant of the printed array is a screen-printed 4 × 12 silver electrode
array. The results from the printed arrays will be reported in a later publication.

Overall, here, we demonstrated a flexible high-density electrode array that can provide
large area coverage and dense electrode spacing. Hence, illustrate the feasibility of reliable and
robust gesture recognition system.

2.11 Chapter conclusions

A gold electrode array fabricated on plastic substrates addresses both mechanical compli-
ance and chemical inertness requirements of bioimpedance and biopotential electrodes. How-
ever, sintering temperatures in the range of 250 ◦C of gold nanoparticle ink is a big manufac-
turing impediment towards fabricating printed electrodes on common plastic substrates such
as PET and PEN. In this chapter, design and low-temperature sintering techniques are demon-
strated for gold electrodes. A crucial observation of the study was that melting and removing
surfactants from the surfaces of the nanoparticles, and reducing solvent content from the bulk
film plays a significant role in enhancing conductivity of printed films. In addition, the grain
size of sintered films is important, however, conductivity cannot be unequivocally deduced
from surface particle growth. To attain conductive lines, both sintering temperature and trans-
ferred thermal energy are important. Also, at low-temperature sintering conditions, sintering
speed depends on the width of printed lines. With longer sintering times, conductivity as high
as 5 x 106 Sm−1 can be reached at sintering temperatures of 200 ◦C.

Utilizing the versatility of the process flow, electrode arrays of various sizes and shapes
were designed and fabricated on plastic substrates. Electrode arrays consisting of 31 electrodes
with electrode to electrode spacing ranging from 2 mm to 7 mm are fabricated, and used
for impedance mapping of conformal surfaces at 15 kHz. Since inkjet printing was used for
fabricating the arrays, the turnaround time from design to design was quite low compared
to the process flows that rely on vacuum processing techniques. Minimum feature size of
62 µm was reproducibly printed with sheet resistance of 0.30 Ω/sq for 0.6 µm thick lines.
Additionally, laser-cut free-standing electrodes were created to enhance conformity of the array,
which enhanced contact to conformal surfaces. Finally, these arrays were used for surface
impedance mapping of different two-dimensional surfaces.
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In summary, here we demonstrated flexible gold electrode array fabrication, low-temperature
sintering, and the methodology used for mapping impedance on conformal surfaces. These
gold electrodes are utilized for both bioimpedance and biopotential measurements. Taking ad-
vantage of the low-cost and large-area manufacturing techniques, these efficient and affordable
electrode arrays can be used in novel in-home and in-hospital medical sensing applications.
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Chapter 3

Printed transmission-mode oximeter

3.1 Introduction

Oximetry, the technique for determining oxygen saturation, optically measures the light
absorption of oxygenated and deoxygenated blood and tissue at two different wavelengths.
Conventional pulse oximeters non-invasively measure human pulse rate and arterial blood
oxygen saturation with an optoelectronic sensor composed of two inorganic LEDs with differ-
ent peak emission wavelengths and a single inorganic PD [149, 150]. The LEDs are placed on
one side of a finger and the light transmitted through the tissue is subsequently sensed by the
PD which is placed on the opposite side of the finger. Sequential sampling of the transmitted
light provides information on the ratio of oxygenated and deoxygenated hemoglobin in the
blood. This ratio and a calibration curve are used to compute arterial blood oxygen satura-
tion. Currently, the application of commercially available pulse oximeters is limited by the
bulk, rigidity, and high large-area scaling cost of conventional inorganic based optoelectronics.
In this chapter, we show a pulse oximeter sensor composed of OLEDs [151, 152] and a flex-
ible OPD [153]. We successfully demonstrate that the organic optoelectronic sensor provides
accurate measurement capability and we anticipate that our application of solution process-
able organic optoelectronics in pulse oximetry will enable low-cost, disposable, and wearable
medical devices.

Wearable medical sensors have the potential to play an essential role in the reduction of
health care costs: they encourage healthy living by providing individuals feedback on personal
vital signs and enable the facile implementation of both in-hospital and in-home professional
health monitoring. Consequently, wide implementation of these sensors can reduce prolonged
hospital stays and cut avertible costs [154]. Recent reports show ample wearable sensors capa-
ble of measuring pressure [42, 155], biopotential and bioimpedance [33, 39], pulse rate [156],
and temperature [157, 158] in real time. These sensors are developed in wearable and flexible
form-factors using organic [42, 158, 159], inorganic [157, 160, 161], and hybrid organic-inorganic
[33, 155, 160] materials.

Organic semiconductors developed for OLEDs and OPDs have been primarily applied to
display and photovoltaic technologies [162, 163]. This is due to their potential for large-area
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roll-to-roll manufacturing at large volumes which is enabled by solution processing and the use
of flexible substrates [164]. These attributes also make organic optoelectronics very attractive
for medical sensors, where flexibility combined with large areas can result in an improvement
of the overall sensor performance. In the past 10 years, a lot of resources were used to improve
the stability of organic semiconductors in order to meet the lifetime requirements of displays
and photovoltaics [165, 166]. When compared to the above markets, disposable medical sensors
have less stringent lifetime requirements on the materials, since these devices would be used
only for a few days as opposed to years.

Organic optoelectronics have previously been used to perform pulse measurements [167–
169]. Here, we report a sensor composed solely of organic optoelectronics that measures both
human pulse and arterial blood oxygenation. We anticipate that our results will inspire system
level integration of organic-inorganic electronics, where the large-area, low-cost and mechani-
cal flexibility of organic sensors will be combined with the computational efficiency of inorganic
electronics. A schematic view of the sensor is given in Fig. 3.1a, where two OLED arrays and
two OPDs are placed on opposite sides of a finger.

3.2 Pulse and oxygenation with red and green OLEDs

In contrast to commercially available inorganic oximetry sensors, which use red and NIR
LEDs, we use red and green OLEDs. Incident light from the OLEDs is attenuated by pulsating
arterial blood, non-pulsating arterial blood, venous blood, and other tissue as depicted in
Fig. 3.1b. When sampled with the OPD, light absorption in the finger peaks in systole (the
heart’s contraction phase) due to a large amount of fresh arterial blood. During diastole (the
heart’s relaxation phase), the reverse flow of arterial blood to the heart chambers reduces
blood volume in the sensing location, which results in a minima in light absorption. This
continuous change in arterial blood volume translates to a pulsating signal - the human pulse.
The DC signal resulting from the non-pulsating arterial blood, venous blood, and tissue, is
subtracted from the pulsating signal to give the amount of light absorbed by the oxygenated
and deoxygenated hemoglobin in the pulsating arterial blood. HbO2 and Hb have different
absorptivities at red and green wavelengths, as highlighted on the absorptivity of oxygenated
and deoxygenated hemoglobin plotted in Fig. 3.1c. The difference in the molar extinction
coefficient of oxygenated and deoxygenated hemoglobin at the green wavelength is comparable
to the difference at NIR wavelengths (800-1000 nm) used in conventional pulse oximeters. In
addition, solution-processable NIR OLED materials are not stable in air and show overall lower
efficiencies [170, 171]. Thus we elected to use green OLEDs instead of NIR OLEDs.

Using red and green OLEDs and an OPD sensitive at visible wavelengths (the OLEDs’
emission spectra and the OPD’s external quantum efficiency (EQE) as a function of incident
light wavelength are plotted in Fig. 3.1d), blood oxygen saturation (SO2) is quantified according
to Eq. 3.1. Here, CHbO2

and CHb are the concentration of HbO2 and Hb, respectively.

SO2 =
CHbO2

CHbO2
+ CHb

(3.1)

In transmission mode pulse oximetry, light from LEDs is directed into the top of the
finger and the transmitted light is sensed at the bottom of the finger with a photodetector.
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Figure 3.1. Pulse oximetry with an organic optoelectronic sensor. (a) Pulse oximetry sensor
composed of two OLED arrays and two OPDs. (b) A schematic illustration of a model for
the pulse oximeter’s light transmission path through pulsating arterial blood, non-pulsating
arterial blood, venous blood, and other tissues over several cardiac cycles. The AC and DC
components of the blood and tissue are designated, as well as the peak and trough of transmit-
ted light during diastole (Tdiastolic) and systole (Tsystolic), respectively. (c) Absorptivity of oxy-
genated (orange solid line) and deoxygenated (blue dashed line) hemoglobin in arterial blood
as a function of wavelength. The wavelengths corresponding to the peak OLED EL spectra are
highlighted to show that there is a difference in Hb and HbO2 absorptivity at the wavelengths
of interest. (d) OPD external quantum efficiency (black dashed line) at short circuit, and EL
spectra of red (red solid line) and green (green dashed line) OLEDs.
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Beer-Lambert’s law states that the intensity of light traveling through a medium decreases
exponentially with distance. Transmission T is given by,

T = I0 exp(−εCd) (3.2)

Here, I0 is the incident light intensity, ε is the molar absorptivity with units of L mM−1cm−1,
C is the concentration of the absorbent medium, and d is the optical path length through the
medium.

The absorbance, A, is now defined as,

A = − ln
T

I0
= εCd (3.3)

Now if we consider attenuation in skin, tissue, and bones – represented with the subscript
DC, and attenuation in HbO2 and Hb – represented with the subscripts HbO2 and Hb, the
following equations represent transmission at diastole and systole:

Thigh,dia = I0 exp(−εDCCDCdDC) exp(−(εHbO2
CHbO2

+ εHbCHb)ddia) (3.4)

Tlow,sys = I0 exp(−εDCCDCdDC) exp(−(εHbO2
CHbO2

+ εHbCHb)dsys) (3.5)

Light has to pass through an additional optical path ∆d at systole, therefore dsys = ddia +
∆d. Additionally, a normalization step (Tnormalized = T/Thigh,dia) is required to determine the
normalized systolic transmission.

Now Eq. 3.3 can be rewritten by superpositioning absorbance of HbO2 and HbO at a
specific wavelength,

A = (εHbO2
SaO2 + εHb(1 − SaO2))(CHbO2

+ CHb)∆d (3.6)

The ratio of the absorbance at red (rd) and green (gr) light can be found using the following
equation,

Ros =
Ard

Agr
=

(εrd,HbO2
SaO2 + εrd,Hb(1 − SaO2))(CHbO2

+ CHb)∆d

(εgr,HbO2
SaO2 + εgr,Hb(1 − SaO2))(CHbO2

+ CHb)∆d
(3.7)

Finally, arterial oxygen saturation (SaO2) can be calculated using Eq. 3.8. Here, εrd,Hb and
εgr,Hb are the molar absorptivity of Hb at red (λ = 626 nm) and green (λ = 532 nm) wavelengths.
Similarly, εrd,HbO2

and εgr,HbO2
are the molar absorptivity of HbO2 at red (λ = 626 nm) and green

(λ = 532 nm) wavelengths.

SaO2(Ros) =
εrd,Hb − εgr,HbRos

(εrd,Hb − εrd,HbO2
) + (εgr,HbO2

− εgr,Hb)Ros
(3.8)

However, empirical correction is required to overcome limitations of Beer-Lambert’s Law
in scattering tissue (versus a glass cuvette). We experimentally obtained the 11% offset in the
calibration curves for the combination of “red and NIR” light vs. the combination of “red and
green” light.
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3.3 Organic optoelectronic oximeter components

OLED and OPD performance are both paramount to the oximeter measurement quality.
The most important performance parameters are the irradiance of the OLEDs (Fig. 3.2b), and
the EQE at short circuit of the OPD (Fig. 3.1d and 3.2d). As the OLEDs operating voltage
increases, irradiance increases at the expense of efficiency [172], as shown by the lower slope of
irradiance than current as a function of applied voltage in Fig. 3.2b. For a pulse oximeter, this is
an acceptable trade-off because higher irradiance from the OLEDs yields a strong measurement
signal.

We have selected polyfluorene derivatives as the emissive layer in our OLEDs due to their
environmental stability, relatively high efficiencies, and self-assembling bulk-heterojunctions
that can be tuned to emit at different wavelengths of the light spectrum [152]. The green OLEDs
were fabricated from a blend of poly(9,9-dioctylfluorene-co-n-(4-butylphenyl)-diphenylamine)
(TFB) and poly((9,9-dioctylfluorene-2,7-diyl)-alt-(2,1,3-benzothiadiazole-4,8-diyl)) (F8BT).

In these devices, electrons are injected into the F8BT phase of phase-separated bulk-
heterojunction active layer while holes are injected into the TFB phase, forming excitons at the
interfaces between the two phases and recombining in the lower energy F8BT phase for green
emission [173]. The emission spectrum of a representative device is shown in Fig. 3.1d. The red
OLED was fabricated from a tri-blend blend of TFB, F8BT, and poly((9,9-dioctylfluorene-2,7-
diyl)-alt-(4,7-bis(3-hexylthiophene-5-yl)-2,1,3-benzothiadiazole)-2’,2’-diyl) (TBT) with an emis-
sion peak of 626 nm as shown in Fig. 3.1d. The energy structure of the full stack used in the
fabrication of OLEDs, where indium tin oxide (ITO)/PEDOT:PSS is used as the anode, TFB as
an electron blocking layer [174], and LiF/Al as the cathode, is shown in Fig. 3.2a. The lay-
ers are deposited using spin coating (Fig. 3.3a), while the cathode is deposited using thermal
evaporation. The physical structure of the device is provided in Fig. 3.3c. The red OLED
operates similarly to the green, with the additional step of excitonic transfer via Förster energy
transfer [175] to the semiconductor with the lowest energy gap in the tri-blend, TBT, where
radiative recombination occurs. The irradiance at 9 V for both types of OLEDs, green and red,
was measured to be 20.1 mW cm−2 and 5.83 mW cm−2, respectively.

The ideal OPD for oximetry should exhibit stable operation under ambient conditions
with high EQE at the peak OLED emission wavelengths (532 nm and 626 nm). A high EQE
ensures the highest possible short circuit current, from which the pulse and oxygenation values
are derived. poly({4,8-bis[(2-ethylhexyl)oxy]benzo[1,2-b:4,5-b’]dithiophene-2,6-diyl}
{3-fluoro-2-[(2-ethylhexyl)carbonyl]thieno[3,4-b]thiophenediyl}) (PTB7) mixed with
[6,6]-phenyl C71-butyric acid methyl ester (PC71BM) is a stable donor:acceptor bulk hetero-
junction OPD system which yields EQE as high as 80% for spin-coated devices [153]. The
transparent electrode and active layer of the OPD are printed on a plastic substrate using a
surface tension assisted blade coating technique recently developed and reported by Pierre et
al. [97] (Fig. 3.3b). Fig. 3.2c shows the energy band structure of our device including the
transparent electrode (a high conductivity/high work function PEDOT:PSS bilayer) and an Al
cathode. The physical device structure of the OPD is shown in Fig. 3.3d. The EQE at 532

nm and 626 nm is 38% and 47% respectively at short circuit condition, as shown in Fig. 3.1d,
and the leakage current of about 1 nA cm−2 at 2 V applied reverse bias is shown in Fig. 3.2d
together with the photocurrent when the device is illuminated with a 355µW cm−2 light source
at 640 nm.
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Figure 3.2. OLED and OPD design and performance. (a) OLED energy structure. (b) Current
density of red (red solid line) and green (green dashed line) OLEDs and irradiance of red (red
squares) and green (green triangles) OLEDs as a function of applied voltage. (c) OPD energy
structure. (d) Light current (red solid line) with excitation from a 640 nm, 355µWcm−2 light
source and dark current (black dashed line) as a function of applied voltage.
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Figure 3.3. OLED and OPD fabrication and physical device structures. (a) The OLEDs are
fabricated on a glass substrate using spin coating. (b) The OPDs are fabricated using blade
coating on a PEN substrate. (c,d) The physical structures of the OLEDs and OPDs, respectively.
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Despite the low reverse bias leakage current shown in Fig. 3.2d, we chose to bias the OPD
at 0 V, the short-circuit condition, in order to sense low photocurrent levels. The frequency
response of both the OPD and OLEDs was also characterized, since oximetry is usually per-
formed at 1 kHz. The 3 dB cut-off was found to be at frequencies higher than 10 kHz for the
all-organic optoelectronic sensor, which is significantly higher than the operational frequency
required for oximetry (Fig. 3.4). Notably, the frequency performance of the OPD is not ham-
pered at short-circuit because the shunt capacitance of organic PDs decreases negligibly with
reverse bias, unlike inorganic PDs [176].
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Figure 3.4. Frequency response of various organic and inorganic LED and PD configurations.

The inorganic LED and PD showed the best response with a 3dB cutoff greater than 100 kHz.
For the all organic combination with OLED and OPD, 10 KHz cutoff was obtained, which is
significantly higher than the 1 kHz operation of the oximeter. Green (λ = 532 nm) LEDs and
OLEDs were used with a 5 V peak to peak sinusoidal signal and a DC offset of 2.5V.

We observed that the OLED irradiance for both red and green wavelengths is sufficient for
the transmission of light through the finger and the signal acquired by the organic photode-
tector is sufficiently high for resolving the pulsating PPG signal shown in Fig. 3.1b. The pulse
waveforms (two cardiac cycles) generated with a combination of organic and inorganic devices
are shown in Fig. 3.5. The PPG obtained when a human finger is illuminated by inorganic
LEDs and the transmitted light is measured with an OPD is shown in Fig. 3.5a. When the
same measurement is performed using OLEDs and a conventional Si PD (Fig. 3.5b) the mag-
nitude of the PPG signal is reduced from 26 mVp-p to 16 mVp-p for the green and 16 mVp-p
to 6 mVp-p for the red due to the lower optical power of the organic LEDs compared to their
inorganic equivalent device. Finally both OLEDs and an OPD are used to obtain a PPG under
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Figure 3.5. PPG acquisition using combinations of inorganic and organic LEDs and PDs. (a)
PPG signal acquired using inorganic red and green LEDs and an OPD. Green and red PPG
signal amplitudes of 26 mVp-p and 16 mVp-p were obtained, respectively. (b) PPG Signal
acquired using OLEDs and silicon PD - absence of lensing epoxy and reduced irradiance of the
OLEDs bring down signal magnitude to 16 mVp-p and 6 mVp-p for green and red excitation.
(c) PPG signal acquired using OLEDs and OPD; although signal magnitudes are reduced to
3 mVp-p and 2.5 mVp-p, the signal is sufficient for resolving the PPG waveform and provide
light absorbance ratio information for arterial blood oxygenation calculation.
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Figure 3.6. Area scaling effects of OLEDs and OPDs, and reducing ambient noise by flex-

ing the OPD around a finger phantom. (a) OPD current (IOPD) was observed for different
OLED and OPD active areas. As expected, higher photo-current resulted with area scaling of
the OLEDs and OPDs. (b) OPDs were flexed around 5 mm and 9 mm radius phantoms rep-
resentative of small and large human fingers. 79% and 93% reduction in ambient noise were
observed for the OPDs flexed around the phantoms, respectively.
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Figure 3.7. Organic optoelectronic pulse oximetry system. (a) Red and green OLEDs are
placed on subject’s finger and transmitted light is collected with one OPD pixel placed below
the finger. (b) Hardware block diagram for the system setup - a microcontroller acts as the data
acquisition and processing unit. OLEDs are triggered and controlled using general-purpose
input/output port (GPIO) and digital-to-analog converter (DAC) pins, and the OPD signal
is recorded using the ADC of the microcontroller. A two-stage amplifier between the OPD
and ADC removes the DC part from the PPG signal and amplifies the pulsating PPG signal.
(c,d) Simultaneous oximetry measurements with a commercially available inorganic oximeter
probe and the organic oximeter probe, respectively. The PPG signal was obtained using red
and infrared light for the commercially available probe (c), and using red and green light for
the organic probe (d). Heart rate (HR) (magenta line in c and d) was obtained by timing the
systolic peaks in the PPG signals. The ratio of the transmitted light at two wavelengths (Ros)
(blue line in c and d) is converted to arterial blood oxygen saturation (SaO2) (yellow line in c

and d) using Beer-Lambert’s Law in conjunction with an empirical correction.
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the same experimental conditions (Fig. 3.5c), yielding signal magnitudes of 3 mVp-p for the
green and 2.5 mVp-p for the red. It is clear that the magnitude of the signal is substantially
reduced with the introduction of organic-based devices, but the PPG obtained at red and green
wavelengths yield similar shapes for all device combinations shown in Fig. 3.5, which will
result in similar pulse and arterial oxygenation values. The lower signal magnitude shown
by the organic probe is compensated for by increasing the area of devices, resulting in higher
photocurrents which directly translate into higher PPG signals, as shown in Fig. 3.6a.

3.4 System design for an organic optoelectronic pulse oximeter

The organic pulse oximetry sensor composed of two red and green OLED arrays and an
OPD (Fig. 3.7a) is interfaced with a microcontroller which drives the OLEDs, measures the
OPD signal, and transfers the data to a computer for analysis (Fig. 3.7b). The obtained signal
from the OPD passes through an AFE where the PPG signal is filtered and amplified. The pul-
sating part of the signal yields heart rate and oxygenation according to an empirical correction
to Eq. 3.8. The accuracy of the organic optoelectronic sensor is characterized and calibrated by
comparing pulse and oxygenation measurements taken simultaneously by the organic opto-
electronic sensor and a commercially available pulse oximeter. The resultant pulse waveforms,
pulse value, ratio of absorbed light, and arterial blood oxygen saturation from the red and
NIR LEDs in the inorganic oximeter and the red and green OLEDs in the organic oximeter
are shown in Fig. 3.7c and 3.7d, respectively. The OLEDs are powered by a 9 V battery and
the OPD is biased at 0 V. The AC component of the signal (Fig. 3.1b) is essential for visualiz-
ing cardiac rhythm and computing arterial blood oxygen saturation. The OPD read-out circuit
consists of two internal operational amplifiers (op-amps) (Fig. 3.7b) in which the first stage am-
plifies the whole PPG signal from the PD. The second stage only amplifies the pulsating part
of the signal and is read by an ADC. With two-stage amplification, we obtained a 50-60 mVp-p
PPG signal for the inorganic probe (Fig. 3.7c) and a 3-4 mVp-p PPG signal for the organic
probe (Fig. 3.7d). The heart rate and ratio of transmitted light at two wavelengths (Fig. 3.7c
and d) was calculated directly from the PPG signals and the arterial blood oxygen saturation
was derived from the ratio of transmitted light, as discussed previously. The calculated heart
rate and oxygenation derived from the PPG signals from the inorganic and organic probes are
both 65-70 bpm and 94-96%, respectively (Fig. 3.7c and d). We observed 1% error for pulse
rate and 2% error for oxygenation when comparing the organic optoelectronic sensor to the
inorganic sensor.

Motion artifacts are one possible source of error in pulse oximetry measurements. Motion-
induced errors can be minimized with signal processing algorithms that can be found in lit-
erature [177, 178]. In this work, we focus mainly on organic optoelectronic probe design and
development, motion artifact characterization and mitigation algorithms can be implemented
to further improve sensor performance.

3.5 Chapter conclusions

The novel combination of red and green OLEDs, as opposed to a red and NIR LED pair,
is successfully implemented in pulse oximetry because the difference in the absorptivity of
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Figure 3.8. Stability of the all-organic optoelectronic sensor. (a,b,c) Recorded signal intensi-
ties on day 1, 3, and 7 respectively after fabrication of the sensor. (d) Bar chart showing the
degradation in signal intensity over seven day time period. Decline in performance is mainly
due to encapsulation failure of the organic optoelectronics.
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oxygenated and deoxygenated hemoglobin at the green wavelength is comparable to the differ-
ence at NIR wavelengths [179]. Green LEDs have not been used conventionally in transmission
oximetry because shorter wavelengths are more efficiently absorbed by the blood. However,
the higher irradiance of the green OLEDs (Fig. 3.2b) compensates for any absorption losses
in non-pulsating blood and tissue, as can be inferred from the higher green signal amplitudes
in Fig. 3.7 compared to the red signal amplitudes. We employed an empirical correction to
calculate arterial blood oxygenation from the ratio of transmitted green and red light, a scheme
widely used for correcting for the deviation from Beer-Lambert’s Law (which doesn’t account
for the scattering that occurs in human tissue) in red and NIR pulse oximetry measurements.

Aside from maximizing OPD EQE and short circuit photocurrent and OLED irradiance,
the OPD’s short circuit current resulting from ambient light should be minimized in order
to achieve the best pulse oximetry signal, as parasitic photodetector current is a contributor
to conventional pulse oximetry failure [180]. The effects of ambient light on the OPD’s short
circuit current were measured using two finger phantoms with radii of 9 mm and 5 mm, repre-
sentative of the wide range of human finger sizes. Flexing the PD around the finger phantom,
as opposed to taking the measurement with the PD placed flat, non-flexed, against the phan-
tom, significantly reduces the parasitic short circuit current produced by ambient light. Under
typical room lighting conditions of 72-76µWcm−2 , flexing the OPD around the 9 mm and 5

mm radii phantoms reduced the parasitic current from 270 nA to 20 nA and 280 nA to 60 nA,
respectively (Fig. 3.6b). The ability of the flexible OPD to conform around the human body
therefore improves the pulse oximeter’s versatility.

The long-term stability of the organic optoelectronic pulse oximeter, like most organic
optoelectronics, is limited by the robustness of the encapsulation technology employed in its
fabrication [181, 182]. It has been shown that lifetime of organic optoelectronics can be signif-
icantly improved using robust encapsulation and packaging. With our encapsulation process,
we see a 24% signal intensity decrease in the green and a 54% decrease in the red PPG signal
over a seven-day time frame. Fig. 3.8 shows a decline in signal intensity, however the PPG
signal shapes are intact.

The organic optoelectronic pulse oximetry sensor described here demonstrates the poten-
tial for the application of organic electronics to thrive in the medical device field. The large-area
scalability, inexpensive processing and flexibility of organic optoelectronics will allow medical
sensors to be made in new shapes and sizes, diversifying possible sensing locations on the
human body, enabling medical professionals to better monitor their patients’ care.
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Chapter 4

Printed reflection-mode oximeter

4.1 Introduction

In the human body, cardiac rhythm changes the blood volume passing through the arter-
ies, which generates a pulsatile signal that can be optically measured using a light source and a
detector; this optical sensing technique is known as PPG. Generally, the PPG signal is used for
calculating HR by utilizing only one light source, and for measuring oxygen saturation (SpO2)
by employing two light sources. Pulse oximeters measure SpO2 of blood by using PPG signals
at two distinct wavelengths where light absorption in oxygenated and deoxygenated blood is
different [183]. PPG and oximetry can be performed in both transmission and reflection mode.
Conventionally, transmission-mode pulse oximeter sensors composed of solid-state LEDs and
PDs are used to measure SpO2 at the extremities of the body where light can easily penetrate
thin regions of tissue, such as the earlobes and the fingertips. However, this method of mea-
suring SpO2 presents a few limitations - (i) Transmission-mode oximetry has limited sensing
locations [6], and (ii) Solid-state LEDs and PDs do not conform well to the skin, therefore,
reduce the SNR [4].

Over the past few years, flexible and wearable sensors are getting significant attention
in both academic research and industry due to their skin conformable form factors [184–192].
Consequently, flexible optical sensors are extensively studied for PPG and oximetry as they
enhance SNR and provide design versatility [4, 6, 193–195]. Sensor fabrication and sensing
methodology remain a strong focus of recent reports. However, the reflectance oximeter sensor
design, which is a crucial component of reflection-mode PPG and oximetry, is not well-reported
in the literature. In addition, wearable reflection-mode PPG sensors and oximeters are prone
to different kinds of noises, such as motion artifacts (MAs), thermal noise, and electromagnetic
interference [196]. Thermal noise and electromagnetic interference are high-frequency noise
and can be eliminated through filtering. MAs, however, are challenging to remove from the
PPG signals. Adaptive filtering [197–199] and comparing PPG signal to a reference accelerom-
eter signal [199, 200] are popular techniques for reducing MAs. Multi-channel PPG signals can
also be utilized to extract HR and oxygenation information from channels that are less affected
by MAs [201, 202]. The multi-channel PPG approach does not require additional hardware
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Figure 4.1. Reflectance oximeter sensor overview. (a) Schematic illustration of a wearable two-
channel PPG sensor, where the PPG sensor pixels are mounted on the wristband. (b) Setup for
the multi-channel PPG sensor. Two circular sensors are spaced 4 cm apart to collect data from
the ulnar artery (Ch 1) and radial artery (Ch 2). The sensor pixels are driven using an AFE,
while multiplexers are used to switch between the pixels. Both red and NIR PPG signals are
collected and processed for extracting HR and pulse oxygenation data. (c) Photographs of the
multi-pixel reflectance oximeter sensor bent to a radius of curvature of 5 cm.

blocks or a reference signal.
In this chapter, we systematically study the reflectance oximeter sensor design in terms

of device geometry, light emitter and detector spacing, and the use of an optical barrier be-
tween the emitter and the detector to maximize sensor performance. Additionally, we utilize
a printed, flexible, and two-channel reflectance oximeter to collect PPG signals using red and
NIR OLEDs and OPDs. We implement inverse-variance weighting and template matching
algorithms to improve the detection of HR from the multi-channel PPG signals. Overall, we re-
port sensor design, optimization, and implementation of a two-channel organic optoelectronic
sensor which is promising for wearable reflection-mode PPG and oximetry.

4.2 Reflectance oximeter sensor geometries and operation

A schematic illustration of a two-channel wrist-worn reflectance PPG sensor is shown in
Fig. 4.1a. The multi-channel PPG sensor is designed using two circular sensors to collect
PPG signals from the radial and the ulnar arteries (Fig. 4.1b). The sensor is interfaced to
multiplexers that switch between the pixels and connects to an AFE. The AFE sequentially
drives the OLEDs and reads out the OPD signals. Both red and NIR PPG signals are collected
using the two pixels. Since most wearable PPG sensors are wrist-worn, we utilize the two-
channel PPG sensor for on-wrist measurements. The underside of the wrist, especially on the
radial and ulnar arteries, provide the best PPG signal magnitudes. One pixel (Ch 1) is placed
on the ulnar artery, while the other pixel (Ch 2) is placed on the radial artery. A photograph of
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Figure 4.2. Reflectance oximeter sensor design and placement on the wrist. (a-c) Different
sensor geometries with the same component areas. (a) Rectangular geometry (R), where the
OLEDs are placed at either side of the OPD. (b) Bracket geometry (B), where the OLEDs
are shaped as brackets and placed around the square OPD. (c) Circular geometry (C), where
the OLEDs are shaped as block arcs and placed around the circular OPD. (d) Photograph
of the printed reflectance oximeter sensor placed on the underside of the wrist. The radial
and ulnar artery sensing locations are marked to show sensor placement locations. The inset
shows a circular sensor with red and NIR OLEDs on the top and the bottom side of the OPD,
respectively. (e) Normalized Electroluminescence (EL) of the red (red line) and NIR (peach
line) OLEDs and EQE of the OPD (brick line). The OPD shows similar EQE at both red and
NIR wavelengths.
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Figure 4.3. PPG signal variation on the wrist. (a) Three sensor placement locations are shown
- (i) On top of the wrist, (ii) on top of the ulnar artery, and (iii) on top of the radial artery. (b)
PPG signals from the wrist, ulnar and radial arteries are shown. Red color for the red channels
and peach color for the NIR channels. Since the signal on the wrist is weak, a 10x gain setting
is used to resolve the pulsatile PPG signal. (c) PPG signal magnitudes at the wrist, ulnar and
radial arteries. The error bars represent data from 3 separate trials.

the multi-pixel sensor is shown in Fig. 4.1c, where the sensor is bent to a radius of curvature
of 5 cm to resemble bending on the wrist.

Reflection-mode sensors require light emitters and detectors assembled on a substrate
or a circuit board. Traditionally, red and NIR LEDs are placed on either side of the PD to
assemble the sensor. The designs of commercially available optoelectronic sensors are limited
in shape - typically rectangular, which do not provide much versatility to vary the sensor
geometry. On the other hand, printed optoelectronics can be fabricated in various shapes and
sizes [203]. In this work, we explore three different sensor geometries as shown in Fig. 4.2a-c:
(1) Rectangular geometry (R), where the OLEDs are placed at either side of the OPD; (2) Bracket
geometry (B), where the OLEDs are shaped as brackets and placed around the square OPD;
(3) Circular geometry (C), where the OLEDs are shaped as block arcs and placed around the
circular OPD. The rectangular sensor design is chosen to represent conventional sensors that
use side-by-side optoelectronics placement. The bracket and the circular sensor geometries are
non-traditional geometries chosen to improve PPG SNR. Fig. 4.2d shows the sensor placement
on the underside of the arm. Radial and ulnar arteries are marked to show sensor placement.
All sensors are composed of printed red and NIR OLEDs with emission peaks at 630 and 725

nm respectively, and OPDs with EQE of ∼20% at the aforementioned wavelengths (Fig. 4.2e).
PPG signal magnitudes vary appreciably based on the sensor placement locations on the

wrist. We explored three sensing locations: (i) On top of the wrist, (ii) on top of the ulnar
artery, and (iii) on top of the radial artery and recorded PPG signals (Fig. 4.3a and b). While
the radial artery provided the cleanest signal (49.50 mV for red and 19.08 mV for NIR), the
pulsatile PPG signal on top of the wrist was the weakest (Fig. 4.3c). At the ulnar artery an
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Figure 4.4. Assembly of the printed sensor. (a) Schematic depicting the sensor assembly. PEN
is used as the base substrate. Inkjet-printed silver traces are used to connect the optoelectronic
sensor to the control electronics. Red and NIR OLEDs and the OPD are then connected to
complete the sensor. (b) Photograph of the assembled sensor.

order of magnitude improvement (26.12 mV for red and 9.02 mV for NIR) in PPG signal is
observed over the wrist (3.24 mV for red and 0.94 mV for NIR). Therefore, we used our sensor
on the underside of the wrist for both single and multi-channel measurements.

4.3 Sensor assembly and calibration

A base PEN substrate is used to assemble the reflectance sensor. Inkjet-printed silver
traces are used to route connections from the optoelectronics to the control electronics that
consists of an AFE and an MCU with a universal serial bus (USB) interface to a computer. The
OLEDs and the OPD are printed on separate plastic substrates and then assembled on the PEN
substrate with silver traces as shown in Fig. 4.4a. The photograph of the assembled sensor
with the OLEDs and the OPD is shown in Fig. 4.4b. Since we are comparing different sensor
geometries, a two-step calibration is used to account for the batch-to-batch device variability
of the OLEDs and the OPDs. A calibration platform composed of a silicon PD and a red LED
is used to calibrate the assembled sensor. In the first step, the OLEDs are calibrated using
the silicon PD by operating the OLEDs at a fixed current and recording the PD current. The
OLEDs of the assembled sensor are turned on sequentially to measure their intensities using
the silicon PD. Each OLED is then calibrated to the maximum current measured in a batch of
devices, κOLED = max(ISiPD)

ISiPD
. In the second step, the OPDs are calibrated by recording the OPD

current while running the solid-state red LED at a fixed drive current. The red LED of the
calibration platform is turned on and the OLEDs are turned off for calibrating the OPDs. The
fabricated OPD detects light from the red LED and the measured photocurrent is recorded.
Similar to the OLEDs, each OPD is then calibrated to the maximum OPD current measured
in a batch of devices, κOPD = max(IOPD)

IOPD
. The obtained values are then used together with the

measured PPG signal to calculate the calibrated signal magnitude. The calibration equation is
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given below, which is used to compare sensor performances for the three different geometries.

PPGcal = κOLED · κOPD · PPGmeas[mV] (4.1)

4.4 Performance comparison among different sensor geometries

After the calibration step, a fair comparison among the three different geometries can be
performed. Additionally, we evaluate another important design parameter, emitter-detector
spacing, d. Fig. 4.5 a-c show the photographs of the rectangular, bracket, and circular sensors
with an emitter-detector spacing of 2, 4, and 6 mm, which are labeled as R2, R4, R6, B2, B4, B6,
C2, C4, and C6. These labels are used in Fig. 4.5d to show pulsatile PPG signal magnitude,
PPGcal based on Eq. 4.1.

The rectangular sensor consists of OLEDs and an OPD that are all square-shaped which
are placed side-by-side. Since the OLEDs do not surround OPD from the top and the bottom,
this scheme is susceptible to ambient light, which contributes to the noise of the measurement.
Also, a significant amount of light coming out from the left edge of the red OLED and the
right edge of the NIR OLED do not contribute to the measurement, hence, gets lost. Ideally, a
perimeter light source that surrounds the OPD would be the best. The two new schemes, the
bracket, and the circular designs, where the light sources encompass the perimeter of the OPD
enhance measurement SNR. As shown in Fig. 4.5d, all three designs show an exponential decay
with increasing d. Due to the perimeter lighting and better light collection by the OPD, both
bracket and circular geometries outperform the rectangular design in terms of pulsatile PPG
signal magnitude. While comparing the bracket and circular design, we observe a negligible
difference in PPGcal .

For a direct comparison of the different geometries, we kept the emitter-detector spacing
constant at 2 mm, and kept the device area of the OLEDs and the OPDs same for all three
geometries as shown in Fig. 4.6a. The OPD areas are kept fixed at 16 mm2 and the OLED
areas are kept fixed at 28 mm2. The PPG waveforms for the different geometries are shown in
Fig. 4.6b. Utilizing the bracket geometry, we observe 39.7% and 18.2% improvements in PPG
signal magnitude in the red and NIR channels, respectively over the rectangular geometry. For
the circular geometry, we observe 48.6 % and 9.2% improvements in the red and NIR channels,
respectively over the rectangular geometry. The bracket and the circular design show almost
similar performance in the PPGcal (Fig. 4.6c). Additionally, the two new designs bring down
the overall length of the sensor from 18.6 mm for the rectangular geometry to 12 mm for the
bracket and 13.2 mm for the circular geometry.

In reflectance PPG and oximetry, the light coming back from the arteries contributes to the
signal, while the light scattered from the skin surface contributes to noise. Therefore, blocking
the light scattered from the skin surface enhances SNR. We incorporated the light blocking
feature in our design by utilizing an optical barrier between the OLEDs and OPD. Black tape
is cut into the shape that fits the area between the OLEDs and the OPD and is used to block
scattered light. Fig. 4.7a shows the schematic of the sensor. With the blocking layer, we
observe 26.5 % improvement in PPGcal in the red channel, and while PPGcal remained almost
the same in NIR. Red light scatters more on the skin surface than the NIR. Therefore, more red
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Figure 4.5. Pulsatile signal magnitudes for different sensor geometries. (a) Photographs of
the rectangular sensors with emitter-detector spacing, d = 2, 4, 6 mm. The devices are labeled
as R2, R4, and R6. (b-c) Similar to a, photographs of the bracket and circular sensors with
emitter-detector spacing, d = 2, 4, 6 mm. The devices are labeled as B2, B4, B6, C2, C4, and
C6. (d) The pulsatile signal magnitudes for all rectangular, bracket and circular sensors. Red-
colored bars represent data for the red channel, while the peach-colored bars represent data
from NIR channel. The error bars represent data from 3 separate trials.
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Figure 4.7. The effect of an optical barrier in sensor performance. (a) Schematic of a re-
flectance oximeter sensor, where an optical barrier is placed in between the emitters and the
detector. (b) The pulsatile signal magnitudes of the red and NIR channels without and with
the optical barrier. The error bars represent data from 3 separate trials.



CHAPTER 4. PRINTED REFLECTION-MODE OXIMETER 82

Ch 1

Ch 2

Ch n

.

.

.

Peak 

detection
Heart rate 

variability

Low standard 

deviation

Low standard 

deviation

High standard 

deviation

Weight 1 ↑

Weight n ↑

Weight 2 ↓

Weighted 

PPG

HR

HR

HR

Ch 1

Ch 2

Ch n

.

.

.

Template 

matching

High correlation

Low correlation

Weight 1 ↑

Weight n ↑

Weight 2 ↓
Weighted 

PPGTemplate 

matching 

(TM)

PPG 

template

Ch 1

Ch 2

Ch n

.

.

. High correlation

Inverse-

variance 

weighting 

(IVW)

b

a

Figure 4.8. Process flow of the (a) TTM and (b) IVW algorithms.

light scattered by skin surface gets blocked by the optical barrier, resulting in an improved red
PPGcal (Fig. 4.7b).

4.5 Multi-channel PPG sensor operation and data processing

Wearable PPG sensors are susceptible to thermal noise, electromagnetic interference, and
MAs. While thermal noise and electromagnetic interference can be reduced with filtering,
reducing MAs requires additional hardware and software processing. Adaptive filtering is
a popular technique for addressing MAs in PPG signals [197–199]. Another approach is to
simultaneously record PPG and a reference signal such as an accelerometer signal and apply
hybrid algorithms to determine HR and pulse oxygenation [199, 200]. Multi-channel PPG
acquisition and processing can also be used to reduce MAs by utilizing channels that are lightly
influenced by MAs [201, 202]. Multiple PPG channels add redundancy to the measurement for
signal quality assessment, which is vital for properly extracting HR and pulse oxygenation
values. To process multi-channel data, we implemented two algorithms: (1) TM with an ideal
PPG signal, and (2) IVW. The efficacy of both methods in acquiring high-quality PPG signal,
and extracting HR are examined. The process flow of the template matching and inverse-
variance weighting algorithms are shown in Fig. 4.8a and b, respectively.

Both TM and IVW algorithms are used to obtain a weighted PPG signal from multi-
channel PPG. The equation for obtaining the weighted PPG is given in Eq. 4.2.
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PPGw =
W1 × PPG1 + W2 × PPG2 + ... + Wn × PPGn

W1 + W2 + ... + Wn
(4.2)

Here, PPGw is the weighted PPG from all channels, Wi is the weight for channel i deter-
mined by either of the two methods discussed in following subsections and PPGi is the PPG
signal from channel i.

4.5.1 TM with an ideal PPG signal

Template matching is a popular data processing techniques in biomedical signal process-
ing. TM has been widely used in processing electroencephalography (EEG), electrocardiogra-
phy (ECG), and PPG data [204–206]. We use an ideal PPG template to determine the fidelity of
the signal from each channel. The ideal template can be obtained from experimental data [207]
or by modeling [208]. A small window is acquired from each channel after filtering. Then,
troughs are detected to find the pulses in each window. Next, the correlation coefficient of
each pulse with the ideal template is calculated. If the correlation coefficient is positive, the
correlation coefficient is used as a weight to calculate the weighted average of the two signals.
If the correlation coefficient for a pulse is negative, the pulse is ignored, i.e., the weight for that
pulse in that channel is set to zero. Thus, using this method, the weight Wi’s in Eq. 4.2 can be
given by Eq. 4.3.

Wi = ρi, if ρi ≥ 0,

= 0, if ρi < 0 (4.3)

Here, ρi is the correlation coefficient between a pulse in channel i and the PPG template.
HR and oxygenation values are determined from the weighted signal. The process flow for TM
is presented in Fig. 4.8a.

4.5.2 IVW based on HR

In inverse-variance weighting algorithm, Wi, weight for channel i in Eq. 4.2 are assigned
based on the standard deviation of HR variability in a specific time window. First, peaks and
troughs of the signal from each window are determined. Then, the HR is calculated from the
distances in between peaks or troughs. The channel with higher standard deviation in HR is
assigned lower weight, because, in a small time-window of PPG signal, HR should not change
too drastically. The weight assignment, in this case, is described by Eq. 4.4.

Wi =
1

σi
(4.4)

Here, σi is the standard deviation of HR in channel i. After assigning the weight, the
weighted average of the signals (PPGw) is computed and the HR and other features are ex-
tracted from the signal. The process flow is presented in Fig. 4.8b.
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Figure 4.9. HR detection using TM and IVW algorithms from a simulated dataset. (a) 8 min
long pristine PPG signal (Ch 1, top panel) and a PPG signal with 10 dB SNR (Ch 2, middle
panel) are used as the multi-channel PPG data. Calculated HR from Ch 1 and Ch 2 using TM
and IVW algorithms and the ground truth are shown in the bottom panel. (b) Zoomed-in data
from 60 to 80 s of a - Ch 1, Ch 2, weighted PPG signal using TM and IVW algorithms, and
calculated HR are shown.

Figure 4.10. The effect of SNR on the accuracy of HR estimation using TM and IVW algo-

rithms.
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4.5.3 Implementation of TM and IVW algorithms on a simulated PPG dataset

To test the efficacy of the TM and IVW algorithms, a simulated dataset is used to deter-
mine HR variability over time. The simulated dataset is designed to represent HR variability
while performing an exercise (Fig. 4.9a). Here, Ch 1 is a simulated PPG data, where the HR
goes up in the first few minutes, stays constant and then goes down slowly. This PPG signal
represents the change in PPG during real-time exercise. Ch 2 is the same PPG signal with a
low-frequency noise added to it. Slow and fast variations of HR are utilized. In the fast vari-
ation case, HR is varied from 71 beats per min (b.p.m.) to 200 b.p.m. in 20 s. Both TM and
IVW algorithms successfully reconstructed the PPG signals and determine HR accurately. In
the slow variation case, HR was varied from 95 to 105 b.p.m. in 20 s (Fig. 4.9b), and both the
algorithms successfully determined HR in this test case also.

The effect of noise on the accuracy of determining HR using TM and IVW algorithms is
examined by adding noise of frequency below 5 Hz to one of the channels. This frequency
range of noise is chosen because noise with a frequency above 5 Hz can be removed from the
signal using a low-pass filter (LPF). The effect of SNR is shown in Fig. 4.10. The SNR is varied
and as long as the SNR is above 3 dB, both algorithms accurately detect HR. However, at SNR
less than 3 dB, the TM algorithm fails to predict HR accurately.

In addition to the simulated dataset, we used three sets of PPG dual channel data reported
by Zhang et al. [199] to test the efficacy of the TM and IVW algorithms. The results are
summarized in Table 4.1. For the datasets, I and III the HR calculated using both methods are
close to the ground truth HR, i.e., within 2 b.p.m. However, in dataset II, both channels are
severely affected by MAs, so the calculated HRs are further away from ground truth HR. For
accurate detection of HR, at least one of the channels should be minimally affected by MAs so
that the PPG pulses are recognizable.

Table 4.1. HR calculated from a literature dataset [199] using template matching and inverse-
variance weighting algorithms.

Dataset HR from Template HR from Inverse-Variance HR from Ground
Matching (b.p.m.) Weighting (b.p.m.) Truth (b.p.m.)

I 74.26 74.26 74.34

II 64.66 64.66 68.73

III 72.12 72.12 74.53

4.6 Implementation of TM and IVW algorithms on the printed multi-

channel PPG sensor data

After validating the TM and IVW algorithms on the simulated and literature datasets, we
employed both methods for processing the data collected by the printed multi-channel PPG
sensor. The sensor is placed on the underside of the wrist, where Ch 1 collects data from the
ulnar artery and Ch 2 collects data from the radial artery (Fig. 4.11a and b, top two panels).
The weighed PPG signals generated by TM and IVW algorithms are shown in panel 3 and 4

of Fig. 4.11b. Here, the signal magnitude of Ch 1 is weaker compared to Ch 2. Therefore, HR
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Figure 4.11. HR detection using TM and IVW algorithms from the printed multi-channel

PPG sensor. (a) The printed sensor is placed on the underside of the wrist. (b) Ch 1 and
Ch 2 are PPG data collected from the ulnar and the radial arteries, respectively. PPGw,TM

and PPGw,IVW are the weighed PPG signals generated by TM and IVW algorithms. HRCh1 and
HRCh2 are calculated HR by using Ch 1 and Ch 2 PPG data. The bottom panel shows calculated
HR by TM and IVW algorithms.

calculated using only using Ch 1 PPG signal demonstrates significant variation (panel 5 of Fig.
4.11b). After implementing TM and IVW algorithms, accurate detection of HR is observed for
both the algorithms (bottom panel of Fig. 4.11b), demonstrating the feasibility of using these
two methods for wearable PPG sensors and oximeters.

4.7 Chapter conclusions

By utilizing the versatility of printed electronics, optoelectronic sensors for PPG and
oximetry are fabricated in different shapes and sizes. In this work, we utilized non-conventional
geometries such as bracket and circular designs to improve sensor performance. The new
sensor geometries demonstrated a clear improvement over the conventional rectangular sen-
sor design. Moreover, we used a wearable two-channel PPG sensor to add redundancy to
the measurement and demonstrated the effectiveness of inverse-variance weighting and tem-
plate matching algorithms to improve the detection of HR from the multi-channel PPG signals.
The new sensor geometries not only improved the PPG signal magnitudes but also decreased
the overall sensor length and reduced power consumption. These sensor designs coupled
with multi-channel redundancy can be incorporated into wrist-worn devices, making them
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extremely promising for wearable reflectance PPG and oximetry.
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Chapter 5

Printed reflection-mode oximeter array

5.1 Introduction

Hemoglobin, a protein molecule in the blood, transports oxygen from the lungs to the
body’s tissues. Oximeters determine oxygen saturation (SO2) in tissues by optically quantify-
ing the concentration of HbO2 and Hb [183]. Pulse oximetry, the most ubiquitous non-invasive
method of oximetry, performs this ratiometric optical measurement on pulsatile arterial blood
via PPG at two different wavelengths [209]. Pulse oximeters use optoelectronic sensors com-
posed of LEDs and PDs and operate at red and NIR wavelengths, where the molar absorptivity
of HbO2 and Hb are significantly different. While both transmitted and reflected light can be
used for pulse oximetry, in transmission-mode pulse oximetry (SpOt

2), the LEDs shine through
the tissue and the transmitted light is collected using the PD on the opposite side (Fig. 5.1) -
this restricts sensing locations to only tissues that can be transilluminated, such as the earlobes
and the fingers, and the feet for neonates. On the contrary, reflection-mode pulse oximetry
(SpOr

2) uses LEDs and PDs on the same side of the tissue (Fig. 5.1), which allows for diverse
sensing locations, such as the forehead, forearm, abdomen, and leg. Additionally, SpOr

2 pro-
vides two-dimensional (2D) oxygenation mapping capability with an array of sensors, whereas
only single point measurements can be performed with SpOt

2.
Recent progress in flexible and stretchable sensors has made them extremely promising

for medical sensing and diagnostics because they enhance SNR by establishing a conformal
sensor-skin interface [184–186, 210–215]. Consequently, novel flexible sensors utilizing organic
and inorganic optoelectronics for transmission and reflection-mode pulse oximetry show a
higher SNR due to a reduction in ambient noise [4, 91, 193–195, 216, 217]. Lochner et al.
demonstrated SpOt

2 on the finger using an all-organic optoelectronic sensor [4]. Yokota et
al. demonstrated SpOr

2 on the fingertips using an ultraflexible photonic skin [193]. Kim et
al. utilized a wireless optoelectronic system to monitor blood flow and tissue oxygenation
[194]. The focus and features of recently reported flexible oximeters are summarized in Table
5.1. Noninvasive 2D oxygenation mapping capability has the potential to transform real-time
and post-surgery management and monitoring of wounds, tissues, and organs [218–221]. An
in-vivo spatial oxygenation mapping device can aid in assessing tissue damage and injury
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Figure 5.1. Oximetry sensing locations and modes of oximetry. (a) Sensing locations on the
body. Transmission-mode pulse oximetry (SpOt

2) sensing locations: fingers, earlobes, and feet
(for neonates) are highlighted in green. SpOt

2 can be done on tissues that can be transillumi-
nated. On the other hand, leveraging the sensor design, reflection-mode oximetry can be done
at other locations such as the forehead, forearm, abdomen, leg, etc (highlighted in purple). (b)
Two different modes of oximetry: transmission-mode and reflection-mode. In the transmission
mode, the light emitters and the light detector are placed at the opposite end of the tissue, and
the transmitted light is used for signal interpretation. In the reflection mode, the light emitters
and the light detectors are placed on the same side of the tissue, and the reflected light is used
for signal interpretation.

susceptibility. One such application scenario, where a flexible optoelectronic sensor array is
used to map 2D oxygenation of a skin graft, is illustrated in Fig. 5.2a. To date, a flexible
optoelectronic sensor capable of spatial mapping of oxygenation has not been demonstrated.

Here, we report a ROA, a flexible and printed electronic system realized by printing and
integrating arrays of organic optoelectronics with conventional silicon integrated circuits for
blood and tissue oximetry. The ROA is composed of 4 red and 4 NIR printed OLEDs and 8

OPDs (Fig. 5.2b and c). We use red (612 nm) and NIR (725 nm) OLEDs, where the molar
absorptivity of HbO2 and Hb are significantly different (Fig. 5.2d). The OPD and OLED
arrays are fabricated on separate substrates and then assembled together to form the ROA (Fig.
5.3). Since organic optoelectronics and printing techniques such as blade coating and screen
printing are utilized to fabricate the sensor on flexible plastic substrates, the sensor array is
comfortable to wear and increases the SNR by establishing a high-fidelity sensor-skin interface.
We implement the reflectance oximeter to measure SpOr

2 on the forehead with 1.1% mean error
compared to commercial transmission-mode pulse oximeters. In the case of a medical shock,
low blood perfusion, or organ injury, the pulsatile arterial blood signal of PPG becomes too
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Figure 5.2. Overview and operation of the printed ROA. (a) Schematic of an application
scenario of the ROA - 2D oxygenation mapping of a skin graft on the forearm. After surgery,
the ROA is placed on the skin graft to map oxygenation of the reconstructed skin. (b) ROA
sensor configuration. Red and NIR OLED arrays composed of 2× 2 pixels each are placed side
by side, where the pixels are arranged in a checkerboard pattern. The OPD array composed of
8 pixels is placed on top of the OLED arrays. The OLEDs are used as light emitters - I0(λ) is the
incident light intensity. OPDs are used to collect the diffused reflected light, I(λ). The OLEDs
and OPDs are spaced at d cm (emitter-detector spacing). µa(λ) is the absorption coefficient of
the sensed tissue, which depends on the specific absorption coefficients and concentration of
HbO2 and Hb, and DPF is the differential pathlength factor. (c) Photo of the ROA on top of
a person’s forearm. (d) The molar extinction coefficients of HbO2 and Hb and the ratio of the
molar extinction coefficients of Hb and HbO2. Three regions are shown: (1) green (εHb/εHbO2

<

2), (2) red (εHb/εHbO2
> 6), and (3) NIR (εHb/εHbO2

< 3). Either of the combinations of ”red
and green” or ”red and NIR” can be used for oximetry.
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Figure 5.3. Reflectance oximeter array assembly. (a) Three layers of optoelectronics - (1) OPD
array layer, (2) NIR OLED array layer, and (3) Red OLED array layer are fabricated on separate
substrates. These layers are then stacked on one another: OPD array layer, NIR OLED array
layer, and red OLED array layer, respectively and connected to the control electronics via flat
flex cable (FFC) connectors. The layers are laser-cut so that one layer does not obstruct the
other layer’s optical path. With 0.7 × 0.7 cm active area for both OLEDs and OPDs, and 0.5 cm
spacing between the OLEDs and OPDs, the dimension of the complete ROA is 4.3 cm in both
length and width. (b) Photograph of the reflectance oximeter array assembly.
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Figure 5.4. Current Density vs. Total Flux for the OLEDs. Total flux for OLEDs is shown
according to the row position. At the operating condition of 10 mAcm−2, the red OLEDs
provide 0.9 mW of flux, while the NIR OLEDs provide 0.2 mW of flux.

weak to be used for pulse oximetry [222]. For the aforementioned cases and locations on the
body with a low pulsatile PPG signal, we demonstrate a method to determine oxygenation in
the absence of a pulsatile arterial blood signal. Also, the array implementation of the ROA
allows us to create a 2D mapping of oxygenation of an area rather than a single point. By
utilizing the array, we spatially map oxygenation values of a volunteer’s forearm under normal
and ischemic conditions. In addition, we discuss the sensor design, signal requirements, sensor
fabrication, and the measurement methodology of the ROA. We believe the tools and devices
developed in this work can be used for novel medical sensing applications such as in-vivo 2D
mapping of oxygenation of tissues, wounds, skin grafts, or transplanted organs.

5.2 Analytical models for reflectance oximetry

Oximeters utilize the property that the molar extinction coefficients of HbO2 and Hb vary
appreciably over the visible and NIR spectrum (Fig. 5.2d). If two regions in the spectrum are
chosen so that in one region, Hb has a higher absorptivity than HbO2, and in the other region,
Hb has a lower absorptivity than HbO2, a ratiometric measurement can be performed to obtain
the concentration of HbO2 and Hb. Oxygen saturation in reflection-mode can be expressed
as the ratio of the concentrations of oxygenated blood over the sum of the concentrations of
oxygenated (CHbO2

) and deoxygenated (CHb) blood.

SpOr
2 =

CHbO2

CHbO2
+ CHb

(5.1)

In Fig. 5.2d, three regions are shown: (1) green (εHb/εHbO2
< 2), (2) red (εHb/εHbO2

> 6),
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and (3) NIR (εHb/εHbO2
< 3). Therefore, the combinations of ”red and green” or ”red and NIR”

can be used for oximetry because of the contrast in molar extinction coefficients. Since the PPG
signal magnitude for NIR is higher than the visible spectrum because light attenuation in tissue
for NIR is much less than the visible spectrum, we use red and NIR OLEDs. In addition, the
optical flux requirement for oximetry is less stringent for NIR than visible colors - the NIR
OLEDs used in the ROA provide 0.2 mW of flux, compared to the 0.9 mW of flux of the red
OLEDs at the operating condition of 10 mA cm−2 (Fig. 5.4). As discussed earlier, the operation
of non-invasive reflectance oximetry can be grouped into two modes: (i) Reflection-mode pulse
oximetry (SpOr

2), when a pulsatile PPG signal is present, and (ii) Reflectance oximetry, when
the pulsatile PPG signal is absent.

(i) Reflection-mode pulse oximetry (SpOr
2)

In the case of SpOr
2, a modified Beer-Lambert’s law can be used to model the light propa-

gation in tissue as shown in Fig. 5.2b and the equation below:

I(λ) = I0(λ)e
−µa·(λ)·d·DPF(λ) (5.2)

Where I(λ) is the measured diffused reflected light intensity, I0(λ) is the incident light
intensity, µa(λ) is the absorption coefficient of the sensed tissue, d is the distance between
the light emitter and detector, and DPF(λ) is the differential pathlength factor (DPF), which
accounts for the multiple scattering of light in tissue.

The absorbance, A, can be defined as,

A(λ) = − ln
I(λ)

I0(λ)
= µa(λ) · d · DPF(λ) (5.3)

Now if we consider attenuation in skin, tissue, and bones – represented with the subscript
dc, and attenuation in oxygenated and deoxygenated blood – represented with the subscripts
HbO2 and Hb, the following equations represent measured light intensities at diastole and
systole of the cardiac cycle:

Ihigh,dia(λ) = I0(λ)e
−µa,dc(λ)·ddc·DPF(λ) · e−(εHbO2

(λ)CHbO2
+εHb(λ)CHb)·ddia·DPF(λ) (5.4)

Ilow,sys(λ) = I0(λ)e
−µa,dc(λ)·ddc·DPF(λ) · e−(εHbO2

(λ)CHbO2
+εHb(λ)CHb)·dsys·DPF(λ) (5.5)

Light has to pass through an additional optical path ∆d at systole, therefore dsys = ddia +
∆d. Additionally, a normalization step (Inormalized = I/Ihigh,dia) is required to determine the
normalized systolic intensity. Now Eq. 5.5 can be rewritten,

Inorm(λ) =
I(λ)

Ihigh,dia(λ)
(5.6)

Inorm,sys(λ) = e−(εHbO2
(λ)CHbO2

+εHb(λ)CHb)·∆d·DPF(λ) (5.7)
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Ros is the ratio of absorbances in two different wavelengths,

Ros =
Aλ1

Aλ2

=
ln Inorm,sys,λ1

ln Inorm,sys,λ2

(5.8)

Now, rearranging Eq. 5.1,

CHbO2
= SpOr

2(CHbO2
+ CHb) (5.9)

CHb = (1 − SpOr
2)(CHbO2

+ CHb) (5.10)

After the normalizing step described in Eq. 5.6, absorbance, A, can be written as,

A(λ) = (εHbO2
(λ)CHbO2

+ εHb(λ)CHb) · ∆d · DPF(λ) (5.11)

Inserting concentrations of oxygenated and deoxygenated blood,

A(λ) = (εHbO2
(λ)SpOr

2(CHbO2
+ CHb) + εHb(λ)(1 − SpOr

2)(CHbO2
+ CHb)) · ∆d · DPF(λ)

(5.12)

= (εHbO2
(λ)SpOr

2 + εHb(λ)(1 − SpOr
2))(CHbO2

+ CHb) · ∆d · DPF(λ) (5.13)

The ratio of the absorbances at the two different wavelengths can be found using the
following equation,

Ros =
Aλ1

Aλ2

=
(ελ1,HbO2

SpOr
2 + ελ1,Hb(1 − SpOr

2))(CHbO2
+ CHb) · ∆d · DPFλ1

(ελ2,HbO2
SpOr

2 + ελ2,Hb(1 − SpOr
2))(CHbO2

+ CHb) · ∆d · DPFλ2

(5.14)

=
Aλ1

Aλ2

=
(ελ1,HbO2

SpOr
2 + ελ1,Hb(1 − SpOr

2)) · DPFλ1

(ελ2,HbO2
SpOr

2 + ελ2,Hb(1 − SpOr
2)) · DPFλ2

(5.15)

Finally, oxygen saturation, SpOr
2 can be calculated using Eq. (5.16).

SpOr
2(R′

os) =
ελ1,Hb − ελ2,HbR′

os

(ελ1,Hb − ελ1,HbO2
) + (ελ2,HbO2

− ελ2,Hb)R′
os

(5.16)

Here, ελ,HbO2
and ελ,Hb are the molar extinction coefficient of HbO2 and deoxyhemoglobin

at each wavelength. R′
os = Ros

DPFλ1
DPFλ2

, where Ros =
ACλ1

/DCλ1
ACλ2

/DCλ2
, is the ratio of pulsatile (ac) to

stationary (dc) signals at the two wavelengths, and DPF(λ) accounts for the multiple scattering
in the reflection mode. Similar to the transmission-mode pulse oximetry, R′

os can be used with
a calibration curve to provide SpOr

2.
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(ii) Reflectance oximetry

PPG signal from pulsatile arterial blood is essential for pulse oximetry. Therefore, in the
case of low perfusion or in the absence of pulsatile arterial blood signal, pulse oximetry in
both transmission and reflection mode cannot be performed. In these scenarios, Eq. 5.2 can be
rewritten to measure the time-varying light intensity attenuation, ∆I(λ) in blood and tissue.
Here, ∆µa expresses the change in absorption during the measurement.

∆I(λ) = I0(λ)e
−∆µa·(λ)·d·DPF(λ) (5.17)

Now, ∆µa(λ) can be expressed as the sum of the specific absorption coefficients εHbO2
(λ),

εHb(λ), of HbO2 and Hb, times the concentrations, CHbO2
and CHb:

∆µa(λ) = εHbO2
(λ) · ∆CHbO2

+ εHb(λ) · ∆CHb (5.18)

Rewriting Eq. (5.17),

εHbO2
(λ) · ∆CHbO2

+ εHb(λ) · ∆CHb =
ln I0(λ)

∆I(λ)

d · DPF(λ)

(5.19)

Since there are two wavelength channels, a system of linear equations can be established:

εHbO2
(λ1) · ∆CHbO2

+ εHb(λ1) · ∆CHb =
ln I0(λ1)

∆I(λ1)

d · DPF(λ1)

εHbO2
(λ2) · ∆CHbO2

+ εHb(λ2) · ∆CHb =
ln I0(λ2)

∆I(λ2)

d · DPF(λ2)

[

εHbO2
(λ1) εHb(λ1)

εHbO2
(λ2) εHb(λ2)

]

·

[

∆CHbO2

∆CHb

]

=







ln
I0(λ1)
∆I(λ1)

d·DPF(λ1)

ln
I0(λ2)
∆I(λ2)

d·DPF(λ2)






(5.20)

In Eq. 5.20, the molar extinction coefficients and DPF(λ) can be obtained from the lit-
erature [183, 223]. Since change in the concentration of HbO2 (∆CHbO2

) and Hb (∆CHb) can
be calculated, the change in oxygen saturation (∆SO2) can be determined for the transient
measurement.

5.3 Reflectance oximeter design and placement on the body

Emitter-detector spacing (d) is an important design parameter for reflectance oximetry.
To find the optimal d, we utilize a reflection-mode sensor board and measured the effect of
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d on PPG ac and dc signals at the 8 locations of the body as depicted in Fig. 5.5a and b.
The schematic of the sensor, containing three rings of four PDs spaced at 0.5, 0.8, and 1.1 cm
away from the red and NIR LEDs at the center, is shown in Fig. 5.5c. Both ac and dc signal
magnitude drops exponentially with increasing d. Fig. 5.5d and e show ac and dc signals for
d = 0.5, 0.8, and 1.1 cm recorded on the wrist. When placed at d < 0.5cm, the dc signal saturates
the PD. This issue can be mitigated by putting an optical barrier between the LED and the PD
to reduce direct coupling of light from the LED to the PD. While d = 0.5cm provided us the
best SNR, d can be different for other sensor designs. For a single pixel reflectance sensor, a
minimum optical flux should be maintained to resolve the pulsatile PPG signal. We measured
that this minimum flux is ≈ 0.2 mW for NIR and ≈ 0.6 mW for red light. Once the minimum
optical flux is ensured, the emitter-detector spacing (d) can be reduced so that the light detected
from the arteries (Signal) is distinguishable from the light scattered by the skin surface (Noise).
Overall, the optical flux output of the LEDs, EQE of the PD, and active area of the LEDs and the
PD influence the optimum d for a reflection-mode sensor. All of the mentioned strategies for
reducing d can be utilized for scaling down the pixel-to-pixel spacing of the ROA, which will
reduce the array size while providing an adequate signal level to quantify the light absorption
in blood and tissue.

An approach similar to obtaining the optimal d is employed to find the optimal sensing
location for SpOr

2 - we place the reflection-mode sensor at 8 different location of the body as
depicted in Fig. 5.5a and b. Fig. 5.5a shows the pulsatile (ac) signal magnitude for red (Redac)
and NIR (NIRac) channels with an emitter-detector spacing, d = 0.5 cm. A high ac and a low
dc signal are desirable for PPG measurements. The forehead provides the strongest peak-peak
ac signal current - 20 nA for red and 60 nA for NIR, making it the most suitable location for
SpOr

2. The signal strength drops roughly by half on the wrists. Although we observed a clear
degradation of the ac signal on the ribcage and the legs, heart rate and oxygenation values
could be extracted from the measured signal. Similar to the ac signal, the forehead provides
the highest dc signal, while the ribcage demonstrates the lowest dc signal magnitude. Fig. 5.6
provides the full dataset of the ac and dc measurements at the 8 sensing locations for 5 subjects.
The reflectance sensor is mounted on the skin using an adhesive foam dressing. The sensor
mounting photos are shown in Fig. 5.7.

5.4 OLED and OPD array fabrication and characterization

We printed the organic optoelectronics of the ROA on separate substrates and then as-
sembled to form the sensor array. With 0.7 × 0.7 cm active area for both OLEDs and OPDs,
and 0.5 cm spacing between the OLEDs and OPDs, the dimension of the complete ROA is
4.3 cm in both length and width. The OLED arrays are fabricated on top of PEN substrates
with patterned ITO (Indium Tin Oxide) for contacts. A surface energy pattering (SEP) step
is then performed that creates hydrophilic regions where PEDOT:PSS is blade coated, which
is discussed in detail by Han et al. [195, 203] (Fig. 5.8a left panel). The interlayer and the
emission layer are deposited using subsequent blade-coating steps (Fig. 5.8b left panel). Then,
the dielectric and the silver traces are printed using a screen printer (Fig. 5.8c left panel). The
purpose of printing the dielectric is to prevent shorts between the underlying ITO strips to the
silver traces. Finally, thermal evaporation is used to deposit calcium/aluminum to finish the
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(1)

(2)

(3)

(4)

(5)

(6)

(7) (8)

Red LED

NIR LED

PDs, d1 = 0.5 cm

PDs, d2 = 0.8 cm

PDs, d3 = 1.1 cm

d1

a b

c ed

Location (1) Location (1)

Figure 5.5. Sensor placement and emitter-detector spacing (d) for reflectance oximetry. (a)
Pulsatile (ac) signal magnitude for red and NIR channels, where d = 0.5 cm. Sensor placement
locations on the body are indexed from 1-8, while the fill color of the markers (⋆ for red and
◦ for NIR) shows the signal current at each location. (b) Similar to a, stationary (dc) signal
magnitude for red (△) and NIR (�) channels. (c) Schematic showing the setup for the emitter-
detector spacing study - rings of four PDs spaced 0.5, 0.8, and 1.1 cm away from the LEDs
at the center are used to obtain the signal. (d-e) ac and dc signal magnitudes recorded using
the sensor board on the wrist. d shows the ac signal magnitude, and e shows the dc signal
magnitude for d = 0.5, 0.8, and 1.1 cm. Data is collected from 5 subjects in 3 separate runs,
error bars show the standard deviation of the data.
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Figure 5.6. Emitter-detector spacing (d) study data. ac and dc signal magnitudes recorded
using the sensor board at 8 locations as shown in Fig. 5.5a and b. The left panel shows the ac
signal magnitudes, and the right panel shows the dc signal magnitudes for d = 0.5, 0.8, and 1.1
cm. Data is collected from 5 subjects in 3 separate runs, error bars show the standard deviation
of the data.
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Figure 5.7. The reflectance sensor mounting photos. (a) Reflectance oximeter array assembly
on an adhesive foam dressing. (b) The sensor is mounted on a volunteer’s lower left rib cage.

fabrication of OLED arrays (Fig. 5.8d left panel). Each OLED pixel is encapsulated with UV
curable epoxy and a plastic film. The OLED device stack is shown in Fig. 5.8g. The same
process steps apply for both red and NIR OLEDs, only the active materials are different.

The OPD array is fabricated on a planarized PEN substrate. A PEDOT:PSS anode is
blade coated using SEP technique as shown in Fig. 5.8a right panel. SEP process for OPDs
is previously described by Pierre et al. [97, 100]. A patterned anode is necessary because,
without patterning, a large parasitic capacitance is formed between the PEDOT:PSS layer and
the body, which obscures the signal in noise. The active layer is then blade coated (Fig. 5.8b
right panel). Next, silver traces are screen printed to connect the anodes and cathodes of each
pixel to external circuitry as shown in Fig. 5.8c right panel. Finally, an aluminum cathode is
evaporated to complete the device stack, which is shown in Fig. 5.8h.

The OPD and OLED arrays are shown in Fig. 5.9a and b, respectively. The OPD array
comprises 8 OPD pixels, where each OPD row contains 2 OPD pixels. Brown markers from
darker to lighter shades are used to label row 1-4 of the OPD array. The same markers are used
to present the performance characteristics of the OPD pixels. As for the 2 × 2 red and NIR
OLED arrays, row 1 and 3 contains the four red OLED pixels, and row 2 and 4 contains the
four NIR OLED pixels. The ROA is formed by stacking the OLED and OPD arrays. The arrays
are assembled as such that emitter-detector spacing of 0.5 cm is maintained.

The performance parameters of the OPD array are shown in Fig. 5.9c-e. The shade of
brown lines indicates the row position of the pixels in the array as shown in Fig. 5.9a. An
average EQE of 30% is observed across the absorption spectrum (Fig. 5.9d) with dark currents
of a few nA cm−2 (Fig. 5.9c). The cutoff frequency is measured at over 5 kHz for OPDs as
shown in Fig. 5.9e. Since the operation frequency of the pulse oximeters is generally less than
1 kHz, this bandwidth is sufficient for oximetry. The linear dynamic response of the OPDs is
shown in Fig. 5.10.

The OLEDs show turn-on voltages at around 3V as designated in the J-V characteristics
in Fig. 5.9f. The OLEDs are operated at 10 mA cm−2 for oximetry, where the red OLEDs
provide 0.9 mW of flux, while the NIR OLEDs provide 0.2 mW of flux. The EQE values at
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Figure 5.8. Fabrication flow of the OLED and OPD arrays for the ROA. (a-d) The OLED
and OPD array fabrication steps are shown side by side. For the OLED array, only one color
consisting of four pixels is shown for simplicity - the same fabrication steps are used for red
and NIR OLEDs. For the OPD array, the complete array consists of 8 pixels. (a) PEDOT:PSS is
blade-coated using surface energy pattering (SEP) on ITO patterned PEN for the OLEDs, and
on a planarized PEN for the OPDs. (b) Active layers are blade-coated - brick color indicates
OLED active material and pink color indicates OPD active material. (c) Silver traces are screen-
printed on both OLEDs and OPDs. The OLEDs require an additional dielectric layer (blue)
to prevent shorting of the anode to the cathode. (d) Aluminum cathode is evaporated, which
defines the active area of the pixel. A zoomed-in view of the individual pixels is shown in the
insets of d. (e,f) The deposition techniques: blade coating and screen printing are schematically
shown and the color bars on the left side of the fabrication steps in a-c indicates the deposition
technique used for that respective layer - sky blue for blade coating and red for screen printing.
(g,h) Device structure of the OLED and the OPD, respectively.
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Figure 5.9. Photographs and performance parameters of the OPD and OLED arrays. (a) OPD
array composed of 8 pixels - 2 pixels in each row. The rows are marked using different shades
of brown markers, which represents the legends of performance data presented in the panels
c,d. (b) Red and NIR OLED arrays - 2 × 2 red OLED array in row 1 and 3, and 2 × 2 NIR OLED
array in row 2 and 4. The rows are marked using red and gray markers, which represents the
legends of performance data presented in the panels f,g. (c) Current density vs voltage bias
(JV) plot for the OPD array. Here each trace represents mean of the data in that row, while the
shaded region shows the range of the data. (d) EQE of the OPD pixels in the array as denoted
by row position in accordance with the colors in a. (e) The frequency response of an OPD
pixel. The 3 dB cutoff is at over 5 kHz. (f) JV characteristics of the red and NIR OLED arrays
as denoted by row position in accordance with the colors in b. (g) EQE as a function of current
density of OLED arrays. (h) Emission spectra of the red and NIR OLED arrays.
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Figure 5.10. Dynamic response of the OPDs at 680 nm, biased at -2V.

operating conditions are ∼8-10% for red OLEDs and ∼2-3% for NIR OLEDs (Fig. 5.9g). The
OLEDs demonstrate a change in performance parameters depending on the row position due
to the decrease in active layer thickness in the blade coating direction, this variability can be
mitigated by continuously feeding ink in front of the blade coater [195, 224]. The variability in
the OLED and OPD performance can be accommodated by taking a calibration measurement
before using the array for oximetry. The emission spectrum of the OLEDs is shown in Fig. 5.9h,
where the red OLED has a peak emission at 612 nm and the NIR OLED has a peak emission
at 725 nm.

5.5 System setup and single pixel reflection-mode pulse oximetry

The full system implementation requires addressing individual pixels of the oximeter.
Therefore, the hardware and software for the ROA are designed to support both single pixel
and array measurements (Fig. 5.11a). The printed ROA is interfaced with the control electronics
using FFC (Flexible Flat Cable) connectors. Each pixel of the ROA is composed of one red
and one NIR OLED, and two OPDs. Signals from the red and NIR channels are read out
sequentially using the two OPDs, and the average of the OPDs are used for signal processing.
Using this format, the 4× 4 device (OLEDs and OPDs) array provides 3× 3 readout pixels. The
pixels are selected using analog switches. An AFE sequentially drives the OLEDs and reads
out the OPD signal. The AFE is controlled by a microcontroller. Software control of the AFE
allows flexibility in choosing OLED driving parameters, and also gives access to the variable
OPD gain circuitry. A photograph of the control electronics is shown in Fig. 5.12, and the
photographs of the software’s Graphical User Interface (GUI) is shown in Fig. 5.13.
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To test the reflectance oximeter in the single-pixel mode, we employed a setup where oxy-
genation of a volunteer can be changed by varying the oxygen concentration of the inhaled
air (Fig. 5.11b). An altitude simulator is used to change the oxygen concentration of the air
the volunteer breathes in via a facemask. Depending on the oxygen concentration of the air,
the volunteer’s oxygenation changes. This change in oxygenation is then picked up by a com-
mercial finger probe sensor and using the reflection-mode sensor on the forehead. Calculated
oxygen saturation using the commercial probe (SpOt

2) and the reflectance probe (SpOr
2) are

shown in Fig. 5.11 c and d. We varied the inhaled oxygen concentration (O2%) from 21% to
15% over a period of 8 min. During the first 30 s, a baseline oxygen concentration of 21% was
set, then reduced to 17.5% at t = 30 s; after keeping O2% at 17.5% for 120 s, O2% was further
reduced to 15% at t = 150 s and was kept at that level for 150 s. Then O2% was brought back
to the baseline of 21%.

For the transmission-mode probe, oxygen saturation (SpOt
2) drops from 96% to 90.5%,

then comes back up to 94.5%. For the reflection-mode probe on the forehead, oxygen saturation
(SpOr

2) changes from 98% to 90.4%, then comes back up to 93.5%. We observed 1.1% mean error
between SpOt

2 and SpOr
2 over the period of 8 min. The PPG signals for both transmission and

reflection-mode probes at 240 s < t < 245 s are shown in Fig. 5.11e and f. PPG signal peaks
and calculated heart rate from the PPG peaks show almost identical results for both SpOt

2 and
SpOr

2. Here, an error of 0.85% is seen between SpOt
2 and SpOr

2, which falls within the 1-2%
error margin that is inherent to pulse oximetry.

The pulse arrival time at the forehead and the fingers are different, the delay is on the
order of 50 ms [225], which may slightly affect the pulse oxygenation calculations. Therefore,
for a more direct comparison between the transmission and reflection-mode pulse oximetry,
we collected pulse oximetry data in both transmission and reflection mode from the fingers
of the same hand as shown in Fig. 5.14. In this experiment, the printed reflectance probe
is placed under one finger and the commercial transmission-mode finger probe is worn on
another finger. The commercial and reflectance finger probes provide almost identical SpO2

variation with different concentrations of the inhaled oxygen. We observed a mean error of
0.41% between the commercial transmission-mode finger probe and the printed reflectance
oximeter.

To investigate the temperature effects of the reflectance sensor, we operated the OLEDs
of the device at different drive conditions and recorded the corresponding temperatures of the
sensor on a volunteer’s forearm (Fig. 5.15). We observed a negligible change in the temperature
- the sensor temperature remained within 32 ± 0.5◦C under the different OLED drive voltages
from 0 to 9V. Moreover, to study the effect of an external pressure on the reflectance sensor,
we collected reflection-mode signal with and without a 0.7 kPa external pressure (Fig. 5.16a).
With the external pressure, the signal baseline changes for both red and NIR channels, and the
PPG ac signal magnitude improves for the red channel (Fig. 5.16b) compared to PPG ac signal
without an external pressure (Fig. 5.16c). However, for pulse oximetry calculations, the ratio
of pulsatile (ac) to stationary (dc) signals at the two wavelengths is used, which remains almost
same: R′

os = 0.65 with external pressure, and R′
os = 0.67 without external pressure.
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Figure 5.11. System design for reflectance oximetry and single pixel reflection-mode pulse

oximetry (SpOr
2) results. (a) Reflectance oximeter system design. Each pixel of the ROA (one

red and one NIR OLED, and two OPDs) is connected to an AFE using analog switches, for
both single pixel and array operation. The AFE drives the OLEDs and reads out the OPD
signal. The AFE is controlled using an Arduino Due microcontroller. The data is then collected
using a Universal Serial Bus (USB) interface, and processed using a custom software. (b) Setup
for changing oxygen saturation of human volunteers - an altitude simulator varies the oxygen
content of the air the volunteer breathes in via a facemask. The SpO2 is recorded using a
commercial probe on the finger and the reflectance oximeter on the forehead. (c,d) Results from
the commercial transmission-mode finger probe oximeter (SpOt

2) and the reflectance oximeter
(SpOr

2), where the oxygen concentration is changed from 21% to 15%. The oxygen concentration
of the air (top panel, blue trace) and calculated oxygen saturation using SpOt

2 and SpOr
2 (bottom

panel, purple trace). (e,f) Zoomed-in data for the SpOt
2 in c and SpOr

2 in d during 240 s < t <
245 s show the red channel, NIR channel, PPG peaks, heart rate, Ros, and SpO2.
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Figure 5.12. Control electronics and connections of the oximeter system. (a) The red and NIR
OLED arrays and the OPD array are connected to the control electronics using FFC connectors.
These connections then go through three analog switches to the analog front end (AFE 4490).
The AFE connects to an Arduino Due microcontroller over Serial Peripheral Interface (SPI) bus,
which provides software control of the oximeter array. (b) The top side of the control board,
which shows the OPD array connector. (c) The bottom side of the control board, which shows
the red and NIR OLED array connectors.
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Figure 5.13. Graphical User Interface (GUI) for processing and visualizing the oximeter

data. (a) In the single pixel mode, data is collected from a single red and NIR channel, and
the waveforms and the background signals are plotted in real-time. The GUI allows software
control to tune the OLED drive current and the OPD gain circuitry. (b) In the array mode, data
is collected from the complete array. Contour maps of the red and NIR channels are plotted,
in addition to the 2D map of change in oxygen saturation, ∆SO2.

5.6 in-vivo 2D oxygen saturation monitoring

The pulse oximetry model is applicable when there is a pulsatile arterial blood signal.
In the absence of a pulsatile arterial blood signal, we use the modified model (Eq. 5.20) to
monitor local changes in tissue oxygenation of a volunteer’s arm under normal and ischemic
conditions. By restricting blood supply to the arm with a pressure cuff, we induce temporary
ischemia to the arm by inflating the pressure cuff to 50 mmHg over the systolic pressure. We
use the ROA to monitor the change in oxygen saturation (∆SO2) under normal condition and
under pressure cuff induced ischemia with the ROA. The measurement setup is shown in Fig.
5.17a, where the ROA is used to measure ∆SO2 on the forearm, while the pressure cuff is
utilized to control blood supply to the arm, subsequently changing ∆SO2 of the sensed tissue.
Under normal condition, there is a pulsatile arterial blood signal (Fig. 5.18), which can be used
with the pulse oximetry model. However, when the blood supply is restricted, only reflectance
oximetry can be performed to measure ∆SO2.

The 4× 4 OLED and OPD devices provides 3× 3 oximeter pixels. These pixels are indexed
pixel 1 - 9, (Px1 - Px9) and are shown in Fig. 5.17b. A raster scan from Px1 to Px9 is used to
collect data from the tissue. We used raster scanning speeds ranging from 100 ms Px−1 to
1 s Px−1. Within this range, we did not observe analog-to-digital converter (ADC) channel
leaking. For each pixel, samples are collected at 500 Hz, then the collected data is averaged.
At a sampling rate faster than 50 ms Px−1, we observed ADC channel leaking. The limiting
factors to achieve a faster scanning speed are the 3 dB cut-off of the OPDs, the resistance
and capacitance associated with each channel, and the settling time of the analog switches.
After collecting data from all 9 pixels, 2D contour maps of red and NIR channels and ∆SO2
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Figure 5.14. Single pixel reflection-mode pulse oximetry (SpOr
2) results for a commercial and

the printed reflectance probe. An altitude simulator varies the oxygen content of the air the
volunteer breathes in via a facemask. The SpO2 is recorded using a commercial probe on one
finger and the reflectance oximeter on another finger of the same hand. (a,b) Results from
the commercial transmission-mode finger probe oximeter (SpOt

2) and the reflectance oximeter
(SpOr

2), where the oxygen concentration is changed from 21% to 15%. The oxygen concentration
of the air (top panel, blue trace) and calculated oxygen saturation using SpOt

2 and SpOr
2 (bottom

panel, purple trace). (c,d) Zoomed-in data for the SpOt
2 in a and SpOr

2 in b during 240 s < t <
245 s show the red channel, NIR channel, PPG peaks, heart rate, Ros, and SpO2.
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Figure 5.15. Reflectance sensor temperatures on the forearm. The sensor OLEDs are operated
using drive voltages from 0 to 9V, and the temperature of the reflectance sensor is recorded.
The temperature remains within 32 ± 0.5◦C under the different drive conditions. The inset
shows the thermal photo of the measurement setup. A thermal camera is used to record the
sensor temperatures.

are created. For the in-vivo 2D oxygen saturation monitoring test, data during the first 30 s are
collected under normal condition and is considered the baseline. The pressure cuff is then used
to induce ischemia, therefore the signal amplitude in the red and NIR signal channels gradually
decreases. Once the pressure is released the signals overshoot, going over the baseline (Fig.
5.17c). Fig. 5.17d shows the 2D maps of red and NIR signal channels, and ∆SO2 during the
test under normal condition (t = 0 s), under ischemia (t = 60, 120 s), and after releasing the
pressure cuff (t = 180, 240, 300 s). Since this is a transient measurement, ∆SO2 remains at
the baseline (∆SO2 = 0%) at t = 0 s, under ischemia ∆SO2 drops to -9.3 % at t = 150 s,
after releasing the pressure-cuff ∆SO2 increases to +8.4 % at t = 180 s, and comes back to the
baseline +0.7 % at t = 300 s. The 2D contours maps at every 30 s interval is provided in Fig.
5.19. We also monitored how different durations of ischemia effect ∆SO2. Fig. 5.20 provides
∆SO2 monitoring for 1, 2, and 2.5 min of ischemia, and ∆SO2 drops to -6%, -9.5%, and -11.3%,
respectively during these experiments. The results obtained in these tests agree with the studies
reported in the literature on pressure cuff induced ischemia [219, 223, 226, 227].

In the 2D oxygenation mapping experiments, we monitored tissue oxygenation of the
forearm with and without a pressure cuff induced ischemia. When blood supply to the arm
is occluded using the pressure cuff, oxygenated blood cannot circulate to the forearm, which
results in a drop in tissue oxygenation. We recorded this change in oxygenation using the ROA.
With the status quo, i.e., transmission-mode pulse oximetry, this change in oxygenation cannot
be observed, because when blood circulation is cut-off, the pulsatile arterial blood signal dis-
appears, which is essential to calculate the pulse oxygenation using transmission-mode pulse
oximetry. The ROA can measure the change in SO2. Moreover, with the 2D mapping capability,
the ROA can monitor oxygenation of an area rather than a single point, which is promising for
monitoring oxygenation of tissues, wounds, and newly transplanted organs. In addition, the
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Figure 5.16. (a) Single pixel reflection-mode pulse oximetry (SpOr
2) results with and without

a 0.7 kPa external pressure. (b,c) Zoomed-in view of the PPG signal with and without the
external pressure are shown in b and c, repectively.
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Figure 5.17. in-vivo 2D oxygen saturation monitoring with the ROA. (a) The ROA is placed on
a volunteer’s forearm to monitor the change in oxygen saturation (∆SO2). Blood supply to the
forearm is controlled by a pressure cuff. The 4 × 4 devices of the ROA provide 3 × 3 oximeter
pixels. (b) Oximeter pixel switching during the array operation. Each pixel is composed of one
red and one NIR OLED, and two OPDs. A raster scan from Pixel1 (Px1) to Pixel9 (Px9) is used
to collect data from the tissue. (c) ∆SO2 for pressure-cuff induced ischemia for a recording of
300 s. Red, NIR, and ∆SO2 data are shown using red, black, and purple dotted lines (dotted
lines represent the means of the 9 oximeter pixels, errorbars represent the standard deviation
of the data). Using the pressure cuff, blood supply to the forearm is occluded and restored. In
the first 30 s, a baseline reading with no ischemia is taken. The pressure cuff is then inflated
to 50 mmHg over the systolic pressure at 30 s < t < 150 s, and released at t = 150 s. ∆SO2

varies from 0 % under normal condition to - 9.3 % (t = 150 s) under ischemia, and to + 8.4
% (t = 180 s) right after releasing the pressure cuff. (d) 2D contour maps of red, NIR, and
∆SO2 under normal condition (t = 0 s), under ischemia (t = 60, 120s), and after releasing the
pressure cuff (t = 180, 240, 300 s).
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Figure 5.18. (a) Red and NIR channels of the ROA signal, before and after inducing the is-
chemia. (b) Zoomed-in view of the signal during the pressure cuff-induced ischemia. The
pulsatile PPG signal is absent because the blood flood is occluded. Here, reflection-mode pulse
oximetry cannot be performed. (c) Zoomed-in view of the signal after releasing the pressure.
Now, the pulsatile PPG signal is present because the blood flow is restored. In this case,
reflection-mode pulse oximetry can be performed.

ROA can be integrated to a multi-modal near-infrared spectroscopy (NIRS) system, where the
ROA is interfaced to printed electromyography (EMG) or electrocardiography (ECG) electrodes
on a flexible substrate to provide a lightweight, comfortable, and wearable sensor platform for
muscle assessment during a persons normal activities and exercise [187, 228, 229].

5.7 Chapter conclusions

Existing techniques for measuring oxygen concentration in blood heavily rely on non-
invasive transmission-mode pulse oximetry (SpOt

2), which present two fundamental limita-
tions: (1) Sensing locations are limited to only tissues that can be transilluminated; and (2)
Only single point measurements can be performed with SpOt

2 due to the sensor configuration.
Here, we presented a novel flexible and printed electronic system realized by printing and
integrating arrays of organic optoelectronics for measuring oxygen saturation in the reflection
mode. Two different modes of oximeter operations are discussed - (i) Reflection-mode pulse
oximetry (SpOr

2), when pulsatile PPG signal is present, and (ii) Reflectance oximetry, when
pulsatile PPG signal is absent. Additionally, we explored the sensor design and placement
of the sensor on the body. The forehead provided the strongest pulsatile signal. By using
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Figure 5.19. 2D contours maps of the red and NIR channels, and change in oxygen saturation
(∆SO2) at every 30 s interval for the in-vivo oxygen saturation monitoring test with the ROA as
shown in Fig. 5.17.
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Figure 5.20. ∆SO2 monitoring for different durations of ischemia. 1, 2, and 2.5 min of
ischemia are used and ∆SO2 drops to -6%, -9.5%, and -11.3%, respectively in these experiments.

the reflectance oximeter, we monitored oxygen saturation of a volunteer on the forehead and
successfully measured SpOr

2 with a mean error of 1.1%. The use of an altitude simulator to
change the oxygen concentration, verified the efficacy of the reflectance oximeter under both
hypoxia and normal condition. Finally, in the case of a medical shock, low blood perfusion,
or locations on the body with a low PPG signal, we demonstrate a method to determine ∆SO2

in the absence of a pulsatile blood signal. The ROA was used to spatially map oxygenation
values of a volunteer’s forearm under normal and ischemic conditions.

Flexible organic and inorganic optoelectronics enhance the SNR of oximetry by reducing
the ambient noise signal. Our demonstration of the ROA in this chapter increases the sensing
locations of oximetry and enables measuring oxygenation in the absence of pulsatile arterial
blood signal. Additionally, the use of printing techniques such as blade coating and screen
printing to fabricate the sensor on flexible plastic substrates makes the sensor both comfort-
able to wear and efficient at extracting high-quality biosignal. This work presented an un-
precedented level of control and integration in printed electronics systems. We hope that our
demonstration of the flexible reflection oximeter array with 2D spatial mapping capability will
encourage novel sensing schemes and aid in medical sensing applications such as 2D mapping
of oxygenation in tissues, skin grafts, wounds, and transplanted organs.
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Chapter 6

Flexible hybrid electronics for wearable
health monitoring

6.1 Introduction

Recent thrust towards wearable medical devices has encouraged a myriad of efficient
skin-like sensors that are extremely promising for medical monitoring [4, 193, 212, 230–233],
imaging [234], and diagnostics [3]. The soft form factor of these sensors allows pristine sensor
interfaces to human skin, which significantly improves the signal to noise ratio (SNR) [2, 3, 234].
In addition, these sensors are configurable and can be fabricated in different sizes and shapes
that better suit the diverse human population. However, these flexible sensors require rigid
silicon-based integrated circuits (ICs) for data processing and communications [185, 235, 236].
Although the tremendous mechanical mismatch of hard electronics and the soft human skin
hinders sensor-skin interface, silicon ICs provide unparalleled computational performance at
lower power than their flexible counterparts based on organic/inorganic materials [237, 238].
Therefore, a hybrid solution with soft and hard electronics is well-suited, where flexible devices
are used for soft bio-interfaces and hard electronics are used for computation, signal processing,
and data transmission.

Printed sensors provide a distinct advantage over rigid sensors at establishing high-fidelity
sensor-skin interfaces due to their inherently flexible material systems and form factors. Hence,
these sensors are suitable for monitoring vital signs as well as analytes in bodily fluids [1, 239,
240]. flexible hybrid electronics (FHE) is a fundamental enabling technology for system-level
implementation of these novel printed and flexible devices. FHE bring together soft and hard
electronics into a single platform, where the soft devices are used for conformal sensor inter-
faces, and the hard silicon-based devices provide the computational backbone and compatibil-
ity with existing electronic systems and standards. FHE comprise of (1) soft sensors or devices
for conformal interfaces, (2) hard silicon-based electronics for computations, (3) interface be-
tween the soft and hard electronics, and (4) power source and driver electronics [192, 241].
Since soft electronics use novel materials and substrates, a multitude of deposition techniques
is used for fabricating these devices [93, 122]. Therefore, integrating devices, sensors, and
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ICs fabricated using vastly dissimilar technologies is a key challenge for FHE. Currently, a
multi-substrate approach is employed where sensors and devices are fabricated on one flexi-
ble substrate, and then, interfaced to another flexible printed circuit board (FPCB) that hosts
the rigid electronics using bonding or connectors [3, 155, 212]. This approach of interfacing is
prone to alignment and interconnect issues.

In this chapter, we report on an interfacing scheme, where sensors are directly printed on
flexible Kapton R© PI substrate that hosts the silicon ICs and rigid passive components. This
fabrication flow is completely compatible with the assembly-line process utilized in the FPCB
industry and minimizes interconnect complexities. Using the direct printing technique, we
fabricated a wearable sensor patch (WSP) capable of measuring electrocardiography (ECG)
signal and skin temperature. The ECG electrodes are inkjet-printed using gold nanoparticle
ink. Since the surface energy of bare Kapton R© PI is not optimized for inkjet printing, we
employed a series of surface energy modifications using tetrafluoromethane (CF4) and oxygen
(O2) plasma. After the plasma treatments, we achieved high-quality inkjet-printed electrodes,
which are reproducible and robust. The thermistor is fabricated by stencil-printing nickel
oxide nanoparticle ink. The thermistor demonstrates temperature coefficient, α ≈ -5.84 % K−1

and material constant, β ≈ 4330 K. Moreover, the sensitivity range of the thermistor covers
the normal human skin temperature range of 32 - 37 ◦C. We anticipate that our results can
be extended to a more sophisticated multi-sensor platform where sensors fabricated using
other solution processable functional inks can be interfaced to hard electronics for health and
performance monitoring, as well as internet of things (IoT) applications.

6.2 Wearable sensor patch

The WSP shown in Fig. 6.1a is an example of FHE implementation, where sensors fabri-
cated by printing techniques are integrated with conventional electronics into a flexible sensing
platform. The sensor patch utilizes a pair of printed gold electrodes for sensing ECG signal
and a printed nickel oxide thermistor for measuring skin temperature. The complete system is
being assembled on a Kapton R© PI substrate, where the printed sensors are interfaced to silicon
ICs, i.e., an analog front end (AFE), a Bluetooth System on Chip (SoC), and other hard passive
components.

The WSP is being fabricated and assembled on a 5.08 cm x 5.08 cm, 50 µm thick flexible
Kapton R© PI substrate as shown in Fig. 6.1b. The area is chosen to balance the need for a large
ECG electrode spacing with the desire to minimize area for wearer’s comfort. This dimen-
sion ensures the wearable form factor and allows 4.7 cm spacing between the ECG electrodes.
Gold printed electrodes are used for acquiring the ECG signal. An AFE amplifies and filters
the signal before sending to a host computer via Bluetooth SoC. Filtering and amplification
can also be done using discrete components in conjunction with the Bluetooth SoC, however,
the AFE approach reduces the number of required discrete components. The skin tempera-
ture is recorded using a stencil-printed nickel oxide, negative temperature coefficient (NTC)
thermistor. The thermistor is used in a voltage divider network, where the voltage across the
thermistor varies according to the temperature, which is digitized and recorded using an ana-
log to digital converter (ADC) of the Bluetooth SoC. The complete system is powered by a coin
cell battery of 220 mAh capacity. While flexible thin-film batteries were considered, the capac-
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Figure 6.1. Proposed overview and system design of the wearable sensor patch (WSP) en-

abled by flexible hybrid electronics. (a) Schematic of the sensor patch placed on a subject’s
lower left rib cage. Skin temperature is read using a stencil-printed thermistor while the elec-
trocardiography (ECG) signal is acquired using inkjet-printed gold electrodes. The electrodes
and the thermistor are interfaced to silicon-based ICs for data acquisition, processing, and
transmission. (b) System design of the sensor patch. The ECG signal is obtained using an
analog front end (AFE). The data is then processed and transmitted using a Bluetooth System
on Chip (SoC) to a host computer. The thermistor data is read using a voltage divider network,
where the voltage drop across the thermistor is sensed using an analog to digital converter
(ADC) of the SoC. After data transmission, both ECG and thermistor data are displayed on
a host computer. (c) Photograph of the WSP mounted on a person’s lower left rib cage. The
sensor side faces down towards the skin, and the component side faces up. (d) Photograph
of the component side of the patch. The battery holder, the Bluetooth SoC, AFE, and the test
points are shown. (e) Photograph of the sensor side of the patch (before component assembly).
The printed gold ECG electrodes and the thermistor are shown.
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ity requirement of the battery proved challenging for the thin-film batteries. Additionally, the
patch is intended for disposable use, therefore, a coin cell battery was chosen over rechargeable
thin-film batteries.

6.3 Single-substrate integration by direct printing of sensors on Kap-

ton PI substrate

The substrates conventionally used in printed electronics such as polyethylene tereph-
thalate (PET) and polyethylene naphthalate (PEN) deform and melt at temperatures over 200
◦C. However, FPCB process flow commonly requires processing temperature over 200 ◦C for
electronic component assembly via solder reflow. Consequently, for integrating printed elec-
tronics to FPCBs, printed devices are typically processed on PET or PEN, and then attached to
FPCBs using a low-temperature bonding process or by connectors. On the contrary, we em-
ploy a single-substrate approach and fabricate the WSP on a single Kapton R© PI substrate with
the printed sensors on one side and attach the electronic components on the other side. This
approach simplifies the manufacturing protocol by using a single substrate, and obviates the
bonding process that may not form a robust connection in the final device.

6.4 Inkjet-printed gold ECG electrodes

The surface energy of Kapton R© PI that is used for FPCB is significantly higher than what
is required for inkjet printing. Therefore, inkjet printing on Kapton R© PI is challenging. Dur-
ing inkjet printing, the nanoparticle ink experiences both cohesion and adhesion forces on the
substrate. These forces equilibrate and the contact angle (θ) between the droplet and the sub-
strate provides an inverse relation to the surface energy of the substrate. To obtain reliable
inkjet-printed features, appropriate surface energy is crucial.

Untreated Kapton R© PI shows a contact angle in the range of 45-55◦ (Fig. 6.2a). Contact
angles lower than 70◦ causes the ink to spread as schematically shown in the printing tests
of Fig. 6.2a - the printed ink spreads at impact, and continues to spread further as shown in
the micrographs at t = 0 and 60 s. To bring the surface energy down to a printable range,
we treated the Kapton R© PI surface with CF4 plasma. This treatment lowers the Kapton R© PI
surface energy substantially as evidenced by the large increase in contact angle to over 90◦ (Fig.
6.2b). However, with this low surface energy, ink-substrate adhesion forces are weaker than
particle-particle cohesive forces. Hence, printed ink rapidly dewets from the surface as shown
schematically and with optical micrographs in Fig. 6.2b. A pad and an angled trace are printed,
but the ink pulls back from the initial drop location and results in broken printed circuit traces.
Therefore, forming the intended features becomes increasingly difficult. A second treatment
step with an O2 plasma increases surface energy to bring the contact angle into the printable
zone. Fig. 6.2c shows contact angles in the range of 80 - 88◦. The surface energy associated
with this contact angle has been found to be ideal for inkjet printing our gold nanoparticle ink.
We obtained high-quality printed pads and traces with complex bends using the CF4 and O2

plasma treatments. The prints show good feature definitions, and these optimization steps are
used for printing the ECG electrodes of the WSP. While it is possible to use only CF4 plasma for
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Figure 6.2. Surface energy optimizations for inkjet printing functional inks on Kapton R©

PI substrate. Blue, red, and green colored rows show deionized (DI) water contact angle (θ)
schematically and obtained from a goniometer, inkjet printing trials, and optical micrographs
of printed structures on Kapton R© PI surfaces that show ink spreading, incomplete wetting, and
good wetting, respectively. The scale bars in the micrographs represent 500 µm. (a) Printing
tests on untreated Kapton R© PI that shows uncontrolled spreading of ink. The high surface
energy of untreated Kapton R© PI generates a contact angle less than 70 ◦, which results in ink
spreading as shown in the schematic of the “printed cross” and spreading of the ink (middle
panel of a). The cross does not hold shape at impact, and the ink spreads further as shown
by the micrograph that is taken 60 s after printing (right panel of a). (b) Printing tests on
CF4 plasma treated Kapton R© PI that shows incomplete wetting of printed ink. To reduce the
surface energy, the surface was fluorinated with CF4 plasma treatment, hence, the contact angle
goes above 90 ◦. At this high contact angle, the printed ink recedes due to high cohesive forces
within the ink, resulting in agglomeration of ink and dewetting clusters. The middle panel
shows the schematic of a printed pad and an angled trace. Ink dewetting and line cracking are
observed after sintering the gold nanoparticle ink. Micrographs of the pad and trace are shown
in the right panel of b. Receding and agglomerating ink created discontinuities in the sintered
shapes. (c) Printing tests on CF4 and O2 plasma treated Kapton R© PI that shows good wetting
of printed ink. After the O2 plasma treatment, the contact angle comes down to the printable
range, 70 ◦

< θ < 90◦. In this case, high-quality printing is observed, as demonstrated by the
micrographs of the printed pad and the angled trace in the right panel of c.
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Figure 6.3. Printing resolution of the printed gold ink on the plasma treated Kapton R© PI

substrate. (a, b) Printed cross and lines with increasing width. The cross and the top line in b

are printed by placing two horizontal lines spaced 30 µm apart, which yields 70 µm minimum
linewidth. While it is possible to use lines that are single-drop wide, two-drops wide lines are
much more reproducible and reliable. Lines 2 - 5 (from the top) in b are 3 - 6 drops wide. (c,

d) Microscope images of the sintered cross and lines with increasing width. Sintered shapes
demonstrate <5% shrinkage.

the surface energy optimization, CF4 plasma did not allow sufficient control to reproducibly
tune the surface energy. Therefore, O2 plasma is used in conjunction with CF4 plasma for finer
control and higher reproducibility to adjust the surface energy. For the combination of our
printed gold ink and the plasma treated Kapton R© PI substrate, we obtain 70µm resolution as
shown in Fig. 6.3.

The electrical reproducibility of the printed gold electrodes was verified by using line and
sheet resistance tests on electrodes of varying lengths. The length of the electrodes e1, e2, e3,
and e4 are 5.2, 3.7, 2.6, and 1.4 cm (electrodes e1 and e4 are shown in Fig. 6.4a as an example).
The line and sheet resistance are presented in Fig. 6.4b using red and green bars, respectively.
The mean line resistance of the electrodes goes down from 132 Ω in e1 to 47 Ω in e4, as the
trace length is reduced. The mean sheet resistance varies from .26 Ωsq−1 in e1 to .32 Ωsq−1 in
e4. The printed features demonstrate conductivity of 7.14 x 106 S m−1, which is 16% of gold’s
bulk conductivity and agrees with our previous report on printed electrodes on PEN substrates
[2]. The printing resolution is governed by the wetting of the printed ink on the substrate.

In our direct interfacing approach, the sensors are connected to the hard electronics by
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Figure 6.4. Electrical reproducibility and mechanical robustness testing of electrodes

printed on Kapton R© PI and the interface between the printed gold and gold plated cop-

per pad. (a) Photograph of printed electrodes of varying trace lengths. Four different trace
lengths are used that are indicated by e1, e2, e3, and e4 (e1 and e4 are shown in the photo-
graph as an example). (b) Line (R) and sheet resistance (RS) of the electrodes (the bar chart
data is collected from 10 electrodes of the same length, the error bars represent the standard
deviation of the data). (c) Photograph of the interface between the printed gold and gold plated
copper pad. The blue inset shows a micrograph of the interface. (d) Schematic illustration of
the torsion testing setup. The printed device is anchored at two ends, the other two ends are
twisted in opposing directions. Twist angle of φ = 30 ◦ is used for the twist cycles. (e) Schematic
illustration of the bend testing setup. The printed devices are subjected to bending radii of 10

and 5 mm. (f) Mechanical robustness testing results. The resistance of a printed trace (e1) that
is bent to 10 mm (green) and 5 mm (yellow) bending radius, and twisted to 30 ◦ twist angle
(blue). Similarly, the resistance of a line consisting of 6 printed/plated gold interfaces (i1) that
is bent to 10 mm (black) and 5 mm (purple) bending radius, and twisted to 30 ◦ twist angle
(red). The first 1000 cycles of bending and twisting are done before the solder reflow test, then
the printed devices are run through a solder reflow oven at 207 ◦C. The second 1000 cycles of
bending and twisting are done after the solder reflow test. Noise in resistance measurements
arose from instrumentation and wire-pad contact resistance variations.
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printing on top of the plated metal pads. Therefore, the interface between the printed gold and
gold plated copper pad as shown in Fig. 6.4c needs to be electrically and mechanically pristine.
While both bare copper and gold plated copper can be used on the FPCB side, oxidation of
copper negatively impacts the contact. Since gold plated copper pads do not suffer from
oxidation, they provide a much cleaner interface for the printed gold.

The mechanical robustness of the printed lines and the interfaces is another key concern
because the WSP needs to survive flexural wear and tear experienced when worn by a human.
Therefore, to test the mechanical robustness, we torsionally loaded sensors with a 30◦ angle of
twist (φ) and subjected to bending radii of 10 and 5 mm. The schematic in Fig. 6.4d shows
the conventions used in the twisting test - two ends of the substrate are anchored while the
other two ends are twisted in opposing directions. Similarly, the schematic in Fig. 6.4e shows
the conventions used for the bend testing. The printed electrode (e1) and the interface (line
consisting of 6 printed/plated gold interfaces, i1) are mechanically cycled for 2000 cycles and
negligible change in the electrical resistance is observed (Fig. 6.4f). At the very end of the
manufacturing flow of the WSP, a solder reflow step is done, where the assembled sensor
platform is subjected to a temperature profile with a maximum of 207 ◦C, and the process is
discussed in the fabrication section. Hence, we performed the bend and twist testing before and
after a simulated solder reflow step to gauge the effect of high temperature of the fabrication
flow. The electrical and mechanical properties of the printed traces remained intact after the
solder reflow test, as seen by the negligible change in electrical resistance of the traces under
test. Thus, our processes for ECG electrodes and interconnects are reproducible and robust,
i.e., the printed electrodes and traces can be fabricated with adequate precision and sufficiently
low resistance (50 - 150 Ω), so that they will not affect the ECG waveforms nor will they impact
the circuit design.

6.5 Stencil-printed nickel oxide thermistors

The material system used for the thermistor is composed of nickel oxide (NiO) nanoparti-
cles mixed with a polystyrene-butadiene rubber (PSBR) binder. In a thermistor formed by NiO
and PSBR, the number of charge carriers in the conduction band of NiO increases with increas-
ing temperature, resulting in a decrease in the resistivity, while PSBR holds the nanoparticles
to form the thermistor. Since PSBR is viscid, stencil printing is chosen over inkjet printing. We
fabricated the thermistors by stencil printing the NiO/PSBR composite on top of gold elec-
trodes. An array of fabricated thermistors on Kapton R© PI substrates is shown in Fig. 6.5a.
The optimized ink demonstrates strong adhesion to the substrate, which is verified using the
standard tape test. Optical and scanning electron microscope (SEM) images of the printed
thermistor are provided in Fig. 6.6.

For reliably measuring human body temperature, good temperature sensitivity from 32 to
42◦C is extremely important. The resistance versus temperature plot is shown in Fig. 6.5b. We
observed high sensitivity at normal human body temperatures. The resistance at 30◦ C (Rt@30)
of the thermistors depends on the geometry of the thermistors. Our initial design, which had
800 µm electrode gap underneath the thermistor, resulted in thermistors with Rt@30> 5 MΩ.
However, to use the thermistors in the WSP, the Rt@30 of the thermistors needs to be a few
hundred KΩ to a MΩ, for reliable operation of the thermistor circuitry. We reduced the Rt@30
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Figure 6.5. Characterization and dynamic testing of the stencil-printed thermistors. (a)
Photograph of stencil-printed thermistors composed of NiO nanoparticles and PSBR binder on
Kapton R© PI substrate. The four thermistors are labeled t1, t2, t3, and t4. (b) Resistance vs.
temperature plot for the thermistors. (c) β plot of the printed thermistors. (d) Characterization
of the dynamic response of the printed thermistor. The printed thermistor and a commercial
rigid thermistor are used to study the dynamic response. Both thermistors are touched with
an index finger to record the change in temperature (22 to 31 ◦C). (e) The top panel shows
the temperature read by the flexible thermistor and the bottom panel shows the temperature
read by the rigid device. At normal condition (green), both thermistors show 22 ◦C, after
touching the thermistors (red), the resistance drops due to the rise in temperature. As a result,
the printed thermistor show 31 ◦C, and the rigid thermistor show 27 ◦C. (f) Durability testing
of the printed thermistors. Bending radii of 10, 5, and 2.5 cm are used, and the thermistors
are subjected to 100 bending cycles at every bending radius. The room temperature resistance
of the thermistors roughly changed by 0, 0.5, and 4%, respectively (the error bars represent
data collected from 8 devices). (g) Real-time temperature monitoring using the thermistor.
The thermistor accurately measured skin temperature of 30 - 32 ◦C during the exercise (blue
overlay).
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of the thermistors by decreasing the electrode gap underneath the thermistor. The thermistors
shown in Fig. 6.5a have the dimensions of width 2 mm, length 2 mm, electrode gap 80 µm,
and thickness 40 µm. This configuration resulted in a Rt@30 in the range of 350 to 375 kΩ

(Fig. 6.5b). For thermistors, beta (β), the slope of the graph in Fig. 6.5c, is the measure of
temperature sensitivity. Higher β will result in a greater change in resistance with temperature
change. We obtained β ≈ 4330 K, which is comparable to β ≈ 4300 K for inkjet-printed NiO
thermistors reported by Huang et al. [24].

The change in resistance of the thermistor is governed by the general equation given
below:

Rt = R0 exp β(
1

T
−

1

T0
) (6.1)

Here, the resistance of the thermistor decreases with temperature increase, hence, the
sensor is Negative Temperature Coefficient (NTC) type. Rt is the resistance at temperature
T, R0 is the resistance at T0 (reference temperature), and β is the material constant for the
thermistor. If β is known, Equation 6.1 can be solved for the temperature T:

T =
1

ln(
Rt
R0

)

β + 1
T0

(6.2)

The β for the thermistor can be calculated by rearranging Equation 6.1:

ln Rt = ln R0 + β(
1

T
−

1

T0
) (6.3)

A linear relationship between ln(Rt) and 1/T can be established, and β represents the
slope of the ln(Rt) vs. 1/T plot, which is related to the Boltzmann relation ( E

kT ), where E is the
bandgap of the thermistor material and k is the Boltzmann’s constant. Generally, the sensitivity
of the thermistor is quantified using β and the temperature coefficient of the thermistor, α,
which can be found by differentiating Equation 6.1 with respect to T and dividing by Rt:

α =
1

Rt

dRt

dT
= −

β

T2
(%/K) (6.4)

Both β and α can be used to characterize the performance of the thermistor; β has the
units of Kelvin while α represents the percentage change in resistance per degree Kelvin. For
calibrating the thermistors, we experimentally obtained resistance values for different temper-
atures and calculated β using Equation 6.3. This β is used in Equation 6.2 for calculating
temperatures from the thermistor resistances. The resistance of thermistors is read from a
voltage divider network composed of the thermistor in series with a 660 kΩ resistor (R). The
variable voltage from the thermistor (Vt) is recorded, which is related to the resistance of the
thermistor (Rt) by the equation below (VB is the bias voltage):
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Vt = VB ∗
Rt

(Rt + R)
(6.5)

We also performed dynamic testing of the thermistor and compared the performance to
a commercially available thermistor. The thermal time constant (τ) is the time required for a
thermistor to change 63.2% of the total difference between its initial and final body temperature
under a step function change in temperature. When subjected to a step function temperature
change from 31 to 22 ◦C, we measured τprinted = 10 s compared to τrigid = 11 s of the rigid
thermistor (Fig. 6.5e). Under dynamic conditions, both thermistors are used to sense skin
temperature - the thermistors are touched with an index finger and the responses are recorded
(Fig. 6.5d,e). When the thermistors are touched, the temperature rises from 22 to 31 ◦C.
Fig. 6.5e shows the temperature read by the thermistors while testing. At normal condition,
the resistances of the thermistors are high, which results in a high voltage drop across the
thermistors, hence, 22 ◦C temperature is recorded (green zone in the panels). When touched,
the voltage across the thermistors is reduced, and 31 and 27 ◦C temperature are recorded by
the printed and rigid thermistors, respectively (red zone in the panels). The printed thermistor
provides a more accurate temperature reading of the index finger (31 ◦C) than the rigid device
(27 ◦C) by establishing a conformal sensor-skin interface.

The durability of the printed thermistors (in WSP form factor) is verified by subjecting the
devices to bend testing. Bending radii of 10, 5, and 2.5 cm are used so that the WSP uniformly
fits the curved surface (Fig. 6.5f). The room temperature resistance of the thermistors roughly
changed by 0, 0.5, and 4% when the devices are subjected to bending radii of 10, 5, and 2.5
cm. For real-time temperature monitoring, a volunteer’s skin temperature is recorded using
the WSP mounted on the lower left rib cage while doing mild exercise. The sensor accurately
measured 30 - 32 ◦C during the exercise as shown in Fig. 6.5g. The thermistor data is obtained
using a voltage divider network, where the variable voltage across the thermistor is recorded
using an ADC of a Bluetooth SoC. It is worth noting that the encapsulation of the thermistor
is extremely important as it needs to provide an adequate barrier to reduce moisture intake,
as well as to protect the thermistor from the later processing of the manufacturing run. Ini-
tially, we used poly(methyl methacrylate) (PMMA) as the encapsulant that failed during the
copper oxide cleaning step (utilizing oxalic acid) of the fabrication flow. Therefore, the ther-
mistor data presented here is from an individual sensor rather than the fully assembled device.
Currently, we opted for an amorphous fluoropolymer (Cytop) encapsulation, which provides
superior barrier properties against the oxalic acid cleaning step (the process is described in the
fabrication section).

6.6 Fabrication process for the WSP

The fabrication process for the WSP is designed to be completely compatible with the
FPCB assembly process. The process flow defined to manufacture the WSP is shown in Fig.
6.7. Isometric and cross-sectional views of the process steps are shown side by side, as well as
photographs of the device. A double-sided copper circuitized substrate is used (Fig. 6.7a,b),
where the “component side” hosts silicon ICs and rigid passive components. The sensors are
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Figure 6.6. Optical and scanning electron microscope (SEM) images of the printed thermis-

tor. (a) Optical image of the printed thermistor fabricated on top of the inkjet-printed gold
electrodes. (b) Topological SEM image of the thermistor taken from the red dotted region of
a. The printed film shows uniform distribution of the NiO/PSBR composite. (c) At higher
magnification (taken from the green dotted region of b), the film shows well-mixed NiO/PSBR
composite with particle sizes ranging from 0.5 - 1.5 µm.

printed on the opposite side of the frame - i.e., the “sensor side.” The two sides of the copper
circuit layers are interconnected by plated-through holes (PTH) to provide interconnection from
the side to which electronic components are mounted to the side on which the ECG electrodes
and the thermistor are printed. This “sensor side” will be in contact with the skin of the wearer.

As described before, untreated Kapton R© PI substrates are not suitable for inkjet printing.
Therefore, the substrate is CF4 and O2 plasma treated to adjust the surface energy for inkjet
printing. Gold nanoparticle ink is inkjet printed at 30 µm drop spacing to form the gold ECG
electrodes (Fig. 6.7c,d,i). Commonly, FPCBs are processed on frames, where the Kapton R©

PI substrate is mounted on a frame and subsequent processing is done on the frame. The
side of the frame where the substrate is mounted is flat, whereas the opposite side forms a
cavity between the frame and the substrate. inkjet printing is done on the flat side of the
fabrication frame, and the components are assembled on the cavity side of the frame (frame
photo and design layouts are shown in Fig. 6.8). Printed gold traces demonstrated minimum
linewidth of 70 µm. Since copper pads show higher surface energy, ink spreading is observed
on the copper pads. However, this turned out to be beneficial in the alignment process. To
make electrical connection, gold traces are printed onto the surface of the copper pads. Since
multiple connections are made side-by-side, the gold ink could not be allowed to flow between
the tabs. The Kapton R© PI surface between the copper pads demonstrates relatively less surface
energy, as a result, the ink is contained on the surface of the copper pads.

The thermistor is printed on top of gold electrodes using stencil printing (Fig. 6.7e,f,j).
50 µm PET in conjunction with a glass slide as the blade are used to fabricate the thermis-
tors. Thermistors of 2 mm length and width, and 40 µm height are reproducibly printed that
demonstrated 350 - 375 kΩ resistance at 30 ◦C. A Cytop encapsulation layer is applied on top
of the thermistor to protect the device from the later processing steps as well as to reduce the
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Figure 6.7. Fabrication process for the WSP. (a-h) Simplified manufacturing steps illustrating
the printing of gold electrodes and nickel oxide thermistors on Kapton R© PI substrate. (a, c, e,

g) Isometric views and (b, d, f, h) corresponding cross-sectional views of the process steps are
shown side by side. (a, b) Standard double-sided copper circuitization is performed to deposit
copper pads and traces. (c, d) Gold nanoparticle ink is printed to fabricate the ECG electrodes
and the electrodes for the thermistors. Surface energy optimization steps are performed before
printing the gold ink. (e, f) After sintering the gold ink, the thermistor is printed using stencil
printing. The thermistor is printed on top of gold electrodes as seen in the cross-sectional
view. (g, h) After printing the sensors, photoimageble solder mask process is executed keeping
the electronic component pads and the ECG electrode pads open. The active and passive
circuit components are soldered on the component pads through solder reflow. A pocket for
the electrode gel is used, where electrode gel is applied before human measurement. (i, j)
Photographs of the printed gold electrodes (blue dotted box of d) and nickel oxide thermistor
(green dotted box of f).



CHAPTER 6. FLEXIBLE HYBRID ELECTRONICS 128

Flat side -

sensor side
ba

dc

Plated copper

Component side Sensor side

Printed gold

Figure 6.8. Fabrication frame and layout of the WSP. (a) A Kapton R© PI substrate is mounted
on a 1.27 mm thick frame. Each frame contains four WSPs. The flat side of the frame where
sensors are printed, is displayed. (b) The layout of the full panel consisting of four WSPs.
Green patterns represent the plated copper. (c) The layout of the component side. (d) The
layout of the sensor side: green represents plated copper while yellow represents the printed
gold. Alignment marks are visible, which are used to align the gold layer to the copper layer.
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Figure 6.9. Encapsulation process for the thermistor. (a, c) Isometric views and (b, d) cor-
responding cross-sectional views of the encapsulation process are shown side by side. (a, b)
Sensor substrate with printed gold electrodes and the thermistor is shown. At this point, the
electrodes and thermistor are unencapsulated. (c, d) An amorphous fluoropolymer (Cytop)
is drop casted on top of the thermistor. The 5 µm thick Cytop encapsulation protects the
thermistor from the later processing steps, and reduces moisture intake.
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Figure 6.10. ECG recording with standard Ag/AgCl electrodes and printed gold electrodes.
(a) ECG recording from the chest (V1 - V2 chest lead placement locations) using standard
Ag/AgCl electrodes. (b) A detailed view of the recording taken from the green overlay region
of a. (c) ECG recording from the same V1 - V2 chest lead placement locations using gold
electrodes. (d) A detailed view of the recording taken from the green overlay region of c.
The standard Ag/AgCl electrodes provide 0.8 mVp−p ECG signal, while the printed electrodes
provide 0.6 mVp−p ECG signal.

moisture intake. The encapsulation process is shown in Fig. 6.9.
Upon completion of the sensor build, the substrate is prepared for component assembly

by solder mask deposition and laser cutting the coin cell battery holder. On the component
side, the substrate is overcoated with a solder mask except for select pads that are required
for solder-attach of components. On the sensor side, the substrate is also covered with solder
mask leaving openings for the electrode pads for skin contact via a conductive gel. Finally,
components are assembled via solder reflow and electrode gel is applied to the opening of the
ECG electrode before human testing (Fig. 6.7g,h). Photographs of the finished product are
shown in Fig. 6.1c-e.

6.7 Real-time ECG signal monitoring with the WSP

Under clinical settings, ECG signal is measured using 10 electrodes placed around the
body, 6 of which (V1 - V6) are placed on the rib cage. This configuration is called 12 - lead
measurement, where the “lead” refers to a view of the electrical activity of the heart from an
angle across the body using a particular pair of electrodes [111]. In recording ECG signal, the
printed gold electrodes provide 0.6 mVp−p signal compared to standard Ag/AgCl electrodes
which provide 0.8 mVp−p signal when placed on the chest, V1 - V2 chest lead placement lo-
cations (Fig. 6.10). Using the patch form factor, the WSP uses two electrodes to record the
electrical signal. Here, the placement of the patch is of significant importance.
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Figure 6.11. Electrocardiography (ECG) signal and heart rate (HR) monitoring using the

WSP. (a) Schematic illustration of the WSP placement on a subject’s lower left rib cage. The
region marked in green provides a low-noise and high-quality signal. Electrodes shown in the
yellow patch are used to record the ECG signal during the mild exercise. (b) Fourier transform
of the raw and filtered ECG signal. In the raw signal, noise at over 50 Hz hinders the peak
detection algorithm. Therefore, a bandpass filter with 0.2 Hz (lower cutoff) and 45 Hz (upper
cutoff) is used to filter the signal. (c-f) ECG and HR from a subject while doing mild exercise.
(c) Raw ECG recording of the first 13 s. Data is taken from the blue overlay of the complete
recording in e. The red dots signify heartbeats detected by the peak detection algorithm. (d)
A detailed view of the ECG signal collected from the green overlay in c with marked P, Q, R,
S, and T waveforms. (e) The complete ECG recording (filtered) obtained during the time of
exercise. Here also the red dots signify detected heartbeats. (f) HR in beats per min (b.p.m)
for the complete duration of the exercise. Each blue dot is a representation of the time interval
between two consecutive heartbeats.
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We used ECG signal magnitude and ease of securing the WSP as metrics for finding the
suitable sensing location. Xu et al. used 2 electrodes mounted on the sternum and recorded
ECG signal [33]. We obtained 0.6 mV signal magnitude using the same configuration. While
we tested multiple locations on the rib cage, the lower left rib cage area produced strong signals
(green region in Fig. 6.11a, starting from the fifth intercostal space). We used medical adhesive
tape for securing the WSP to the skin. The complete assembly was 6.1 gm, which was mostly
dominated by the battery and the battery holder (3 gm and 2 gm). Due to the flexible form
factor and lightweight, the WSP remained secured to the skin during the wearer’s physical
movement. The electrodes diagonal to the WSP (yellow patch location in Fig. 6.11a), aligned to
the heart axis running from the upper right atrium through the lower left ventricle, provided
the strongest and cleanest ECG signal. High-quality and low-noise signals are recorded using
these electrodes. We used this configuration for the ECG and HR variation measurements.

a b c

d e f

Figure 6.12. Post processing of ECG signal for noise reduction. (a-c) Raw ECG signal and
corresponding signal features. (a-b) Raw ECG signal and a detailed view of the signal for
illustrating the ECG waveform (collected from the green overlay of the raw signal. The red
dots signify detected heartbeats. (c) Fourier transform of the signal, where motion artifacts
and noise at over 50 Hz hinders the peak detection algorithm, resulting in errors in heart rate
monitoring in a. (d-f) Filtered ECG signal and corresponding signal features after filtering the
raw signal with a bandpass filter with 0.2 Hz (lower cutoff) and 45 Hz (upper cutoff). Filtering
reduces most of the noise and eliminates all the incorrect heartbeat peaks. However, some
noise still remained as seen in d.

To test the efficacy of the WSP, we recorded ECG signal from human volunteers while at
rest, and before, during and after mild exercise (Fig. 6.11c-f). Fig. 6.11c,d show a snapshot
of the raw ECG signal obtained from the hardware (from the blue overlay of Fig. 6.11e). The
different peaks of an ECG signal are labeled in Fig. 6.11d. Fig. 6.11e shows the filtered ECG
signal for the complete test duration of 210 s; the red dots signify heartbeats detected by the
peak detection algorithm. The raw signal is filtered to reduce noise in the higher frequencies
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Figure 6.13. Post processing of ECG signal for heart rate (HR) detection. (a-c) Raw and
filtered ECG signals and corresponding signal features. (a) The top two panels show the raw
ECG signal and a detailed view of the signal for illustrating the ECG waveform (collected from
the green overlay of the raw signal). In the case of the raw signal, the red dots signify detected
heartbeats. The bottom two panels show extracted heart rate and the Fourier transform of the
signal. Noise at over 50 Hz hinders the peak detection algorithm, resulting in errors in heart
rate monitoring (lower left panel). (b) A similar format as the raw signal in a is followed to
show a filtered signal. A bandpass filter with 0.2 Hz (lower cutoff) and 45 Hz (upper cutoff)
is used for filtering the signal. Filtering eliminates all the incorrect heartbeat peaks, however,
some noise still observed (top left panel). (c) Similar to the filtered signal in b, a bandpass filter
with 5 Hz (lower cutoff) and 20 Hz (upper cutoff) is used for filtering the raw signal. Here, the
ECG waveform is distorted because the filtering window cuts off frequencies associated with
the ECG waveform. On the other hand, all the R-wave peaks are detected with high accuracy,
and the noise is minimized. (d) Filtering parameters and the accuracy of heart rate detection
for all three cases are presented in a tabular format.
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Figure 6.14. Mechanical robustness testing of the WSP. (a) Schematic illustration of the bend
testing setup where the WSP is subjected to mechanical bending using a 10 cm radius of
curvature mandrel. (b) ECG recording from a simulator before the bend testing. (c) A detailed
view of the recording taken from the green overlay region of b. (d) ECG recording from the
simulator after the WSP is subjected to 200 cycles of bending. (e) A detailed view of the
recording taken from the green overlay region of d.

that resulted in incorrect heartbeat peaks. The Fourier transform of the raw and filtered ECG
signal are shown in Fig. 6.11b. Noise at over 50 Hz hinders the peak detection algorithm,
resulting in errors in heart rate (HR) monitoring. After filtering the signal, the WSP clearly
detected the heart rate variation during the mild exercise as shown in Fig. 6.11f. HR of the
volunteer picks up from the resting HR of 62 beats per min (b.p.m.) to 108 b.p.m. after 3 min,
and gradually cools down to 77 b.p.m. at the end of the recording. We obtained high-quality
ECG signal from the WSP that was wirelessly transmitted to a computer host with essentially
perfect peak detection. The HR showed anticipated variations corresponding to whether the
subject was at rest or was exercising.

Motion artifacts are observed in the recordings, which are more prominent for dry elec-
trodes. Using electrode gel significantly reduces motion artifacts and the associated noise.
Additionally, the raw data is post-processed to further reduce noise. An example recording
with motion artifacts and noise at over 50 Hz is shown in Fig. 6.12a. A detailed view of the
ECG and the Fourier transform of the raw signal are shown in Fig. 6.12b,c. Filtering the raw
signal with a bandpass filter with 0.2 Hz (lower cutoff) and 45 Hz (upper cutoff) reduces most
of the noise and eliminates all the incorrect heartbeat peaks (Fig. 6.12d-f). However, some
noise is still observed. Using a tighter filtering window further reduces noise, however, the
ECG waveform is distorted because the filtering window cuts off frequencies associated with
the ECG waveform as shown and discussed in Fig. 6.13. Therefore, this filtering scheme is
adequate for heart rate monitoring, and not suitable for recording medical-grade ECG signal.

Finally, to check the durability of the WSP, a 10 cm radius of curvature mandrel is used to
bend test the complete WSP assembly as shown schematically in Fig. 6.14a. Fig. 6.14b,c show
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the ECG recording from a simulator before the bend testing, and Fig. 6.14d,e show the ECG
recording from the simulator after the bend testing. Here, the WSP is subjected to 200 cycles
of bending. The WSP remained operational after the bending cycles. Although we observed
some noise in the data, the signal was of an adequate quality for detecting the heart rate. This
result indicates that the WSP platform remains functional after being subjected to mechanical
bending, hence, is suitable for wearable applications. Further Design optimization in terms of
thickness and shape of the printed and plated materials can be utilized to reduce corner stress
concentration to further improve the mechanical robustness of the WSP.

Data related to mechanical testing presented in Fig. 6.14 is obtained from a very small
sampling of the first prototype WSP modules. A number of other modules, although functional
prior to stressing, proved to be less robust upon mechanical stressing. The technology is sound,
i.e., there are no issues stemming from electrical design, software, materials of construction,
manufacturing methods, and workmanship. It is observed that failure to survive mechanical
testing is due primarily to stress points in the device induced by the first pass physical design
of the module, for example, circuit line widths and routing, the size, shape, and location of
openings in the solder mask layer to expose metal pads on the flexible substrate for component
assembly. In addition, it is believed that changes in plated metal thickness, the thickness of
the base Kapton R© PI substrate, and use of a gold surface finish on plated metals that interface
with inkjet-printed gold, will substantially improve module robustness.

6.8 Improving printed gold to plated copper interface

A reliability issue involving the printed gold to plated copper interface in the WSP hin-
dered the electrical connection of the device. The WSP had two types of printed sensors - the
gold ECG electrodes, and the nickel oxide (NiO) thermistor. These were electrically connected
to plated copper circuits, on which rigid electronic components were surface mounted using
solder reflow. The gold circuits were formed by printing continuous gold traces on the PI
substrate that also overlapped onto copper circuit pads to make electrical connections between
the printed sensors and the rigid electronic devices. To create a robust interface between the
gold ink and the plated copper, the printed gold layer needed to have a uniform as-printed
thickness, which is maintained until the ink was fully sintered to metallic gold. This requires
that the gold ink exhibit favorable wetting and maintain good adhesion to the plated copper
pads. However, three issues arose that compromised the printed gold to the plated copper
interface. 1) Thinning of the printed gold ink occurred as it approached a copper pad and tran-
sitioned up onto it. This occurred immediately after printing and during the sintering, which
vaporized the solvent and allowed the gold nanoparticles to coalesce. We observed that the
ink wicked from the PI onto the adjacent copper pad due to the higher surface energy of the
copper compared to that of the PI surface (Fig. 6.15). The resulting excess of ink on the copper
pad resulted in the formation of mud cracks associated with solvent loss and shrinkage of the
ink during drying and curing. 2) The thick uncured ink on the pads remained fluidic until an
adequate solvent loss occurred that prevented flow. Until then, a movement of the ink on the
copper pads was observed as the devices were transferred into the curing oven. This gave rise
to areas of very thick and very thin ink on the copper pads. The thinner gold ink regions of the
copper pads could also have been more susceptible to oxygen penetration during thermal cures
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Figure 6.15. Micrographs of the gold/copper interface. (a) Gold ink spreading on copper pads.
Copper pads are more hydrophilic than Kapton R© PI surface, as a result, ink spreads on the
pads. (b) Zoomed view of the gold/copper interface. Gold ink spread on the surface of copper,
and gets pinned at the edges of the pad.

and the formation of copper oxide at the gold/copper interface that could degrade adhesion.
The thicker regions showed cracks formed during curing that were large fissures down to the
copper pads. 3) Where the ink was wicked from the circuit line adjacent to the copper pad, the
line narrowed substantially, and in some cases, an open was formed. Therefore, a solution for
controlling the thickness uniformity of the ink on the copper pads was needed.

To understand wetting and spreading of the gold nanoparticle ink, the surface energy
of various surfaces was measured indirectly using a goniometer and contact angle measure-
ments. When a drop of liquid is placed on a solid surface, the drop experiences adhesive forces
between the liquid and the solid surface, which favor spreading of the liquid, whereas the co-
hesive forces within the droplet counteract the spreading. The balance of the forces yields a
contact angle, θ as shown in Fig. 6.16a. Young’s equation relates the forces in play to the surface
free energies of the solid (S), liquid (L), and vapor (V) phases, as shown at the bottom of Fig.
6.16a. For determining the critical surface tension, a series of liquids with decreasing surface
tension - hexadecane, ethylene glycol (EG), and DI water were placed on the solid surface (Fig.
6.16b). The receding surface tensions of the liquids help to create an extrapolated line, and at
cos θ = 1, the plot yields the critical surface tension of the solid (Fig. 6.16 d-f). We characterized
the surface tensions of: (i) Planarized PEN (PQA1) (ii) O2 and CF4 plasma treated Kapton PI
and (iii) plated copper on Kapton PI after CF4 and O2 plasma treatments (Table in Fig. 6.16c).
It is apparent that the plated copper surface demonstrated much higher critical surface tension
than the PI. Therefore, significant ink spreading is expected on this surface.

To study the printed gold line thinning, a series of experiments were performed on differ-
ent metallic surfaces. These surfaces went through CF4 and O2 plasma treatments, the plasma
treatment conditions are described in Section 6.4. Fig. 6.17 shows a printed cross and a tab
on (i) Copper, (ii) Nickel on copper and (iii) Oxidized nickel on copper. The cross and the
tab on copper and nickel on copper surfaces show significant spreading. These results are
aligned with the findings from the critical surface tension studies, where the metallic surfaces
had significantly higher critical surface tension than CF4 and O2 plasma treated Kapton PI. As
a result, the nanoparticle ink spreading is greater on the metallic surfaces than on CF4 and
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Figure 6.16. Critical surface tension characterization for various surfaces. (a) Relevant forces
balanced by Young’s equation when a liquid drop is placed on a solid surface. (b) Contact
angles of various liquids on a planarized PEN (PQA1) substrate. (c) Summary table of critical
surface tensions for relevant solid surfaces. (d-f) Zisman plots for determining surface energy
of (d) planarized PEN (PQA1), (e) CF4 treated Kapton, and (f) Copper on Kapton after CF4

plasma treatment.
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Figure 6.17. Nanoparticle ink wetting and spreading tests on different metallic surfaces.
(a) 1mm × 1mm printed cross and (b) 1mm long and 500 µm wide printed tab on different
metallic surfaces. The yellow dotted lines show the intended feature shape. In both (a) and
(b), the top panel shows feature definition right after printing, while the bottom panel shows
feature definition 1 min after printing. The first column in (a) and (b) shows printing on plated
copper. The second column in (a) and (b) shows ink spreading on a nickel on copper surface.
After a bake at 190 ◦C for 30 min in air, an oxide layer is formed on the top of the nickel
surface which restricts ink spreading to the metal features. The third column shows printed
ink on this oxide surface. The pattern fidelity of printed features on the oxidized surface
demonstrates significant improvement over the bare nickel on copper surface.
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Figure 6.18. Printing reliability improvement TV and the use of NiO dams. (a) The printing
TV after all metallization and printing have been completed. The copper pads were intercon-
nected by printing gold traces between two copper pads. (b) Pinning of the gold ink at the
edge of the NiO dam. Due to the high volume, there was some ink spill over. (c) Ink runout in
the case of copper pads without the NiO dams. The runout resulted in thinning of the ink at
the printed gold to plated copper interface.

Figure 6.19. The TV array resistance after various manufacturing steps, thermal cycling, and
flexing. T0 was immediately after the manufacturing build; bake followed solder mask cure at
150 ◦C for 1 hr; reflows 1 and 2 were performed at a simulated solder reflow at 205 ◦C, and
excise was done to check for a response after the parts were cut from the substrate tensioned
on a frame. Flex step was done at 1000 bend cycles on a 2 mandrel. Results for 6 arrays are
shown, where the length of the arrays was varied from 0.35” to 0.65”.



CHAPTER 6. FLEXIBLE HYBRID ELECTRONICS 140
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Figure 6.20. Comparison of gold ink printed on copper pads without and with gold-plating.
(a) Gold ink printed on copper pads without a protective gold plating. (b) The bright center is
indicative of the interfacial failure that worsens with abrasion during flex testing and ultimately
results in peeling of the gold layer. (c) Gold ink printed on copper pads with gold plating
demonstrates good adhesion between the plated gold and the printed gold. All images were
taken following thermal cycling (a simulated solder mask cure cycle followed by 2x reflow
cycles at 204 ◦C peak temperature).

O2 plasma treated Kapton PI. A conclusion can be drawn from these tests that a subsequent
surface treatment is required for the metallic surfaces to restrict ink spreading. While the base
nickel surface was conducive to ink spreading, oxidizing the surface in air at 190 ◦C for 30 min
drastically improved printability (Fig. 6.17, third column). The oxide layer demonstrates lower
critical surface tension compared to a bare nickel surface, which restricted the ink spreading.
These results are shown in Fig. 6.17. The first column shows printing on copper on Kapton PI
after CF4 and O2 plasma treatments. The cross and the tab did not hold their shape, yellow
dotted lines show the intended feature. Ink spreading on a nickel on copper surface is shown
in the second column. Here too, considerable spreading of the ink hinders the pattern forma-
tion. Oxidizing the surface in air at 190 ◦C for 30 min improved the printability of the surface,
which is clear from the printed cross and the tab in the third column of Fig. 6.17. Therefore, a
barrier to ink spreading, utilizing nickel oxide - “NiO dams” can restrict ink spreading.

One of the electrical failure mechanisms for the WSP was an interfacial separation of
printed gold from the plated copper pads. This overlap was required for electrical interconnec-
tion of the printed sensors to the rigid components. A robust interface between these materials
is necessary to preclude interfacial separation during subsequent thermal treatments required
for nanoparticle ink and solder mask cures and to survive flexing-induced mechanical stress
during use. Interfacial failure at the gold/copper interface was observed to result in either
partial loss (increased resistance) or total loss of electrical connections (opens) in the circuit.
After studying the wetting and spreading of the nanoparticle ink on various surfaces, a test
vehicle (TV) was built comprised of daisy chains of plated copper and interconnecting printed
gold features. This design is shown in Fig. 6.18a. The copper features were first pattern-plated
on the Kapton PI. Four types of surfaces were then prepared using the base plated copper sur-
face. i) Bare plated copper, ii) plated copper with NiO dams, iii) plated copper with a plated
gold layer, and iv) plated copper with a plated gold layer with NiO dams. Then, lines of gold
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ink were printed to interconnect copper plated pads forming multiple arrays of copper, inter-
connected by printed gold circuit lines. Referring to Fig. 6.18a, this created three continuous
electrically testable metallic serpentines of different lengths. This TV was used to test the four
different metal pad surfaces, with the first goal to control printed gold ink flow, and with the
second goal to learn how to form a more robust adhesive interface between the printed gold
ink and plated copper pads. Additionally, the TV was tested electrically after bend testing and
thermal cycling, looking for any change in conductivity that would be indicative of interfacial
breakdown. Fig. 6.18b and c show a magnified view of the resultant serpentine pattern after
gold printing between the copper pads. Printed gold lines were used to interconnect the cop-
per pads with (Fig. 6.18b) and without (Fig. 6.18c) NiO dams. The NiO dams were tested for
their ability to restrict the area of the pad and ink flow off the pad. The reduced area of the
pad also meant a reduction in the area of the copper pads, thereby giving the means to limit
ink wicking from the connected gold circuit lines. In Fig. 6.18b, the NiO dams act as a partial
barrier that reduces the area and thus the volume of the wicked gold ink. While in Fig. 6.18c,
without the NiO dams, the printed ink spreads onto the pads, resulting in non-uniformity of
the printed ink on the copper pad.

After printing, the TV was subjected to simulated thermal and mechanical stressing fol-
lowed by electrical testing. The electrical resistance measured is the sum of not only the plated
copper and printed gold conductors, but also any contribution from the gold/copper inter-
faces. Fig. 6.19 shows results for the measured DC electrical resistance of the arrays and
interfaces before and after exposure to simulated solder reflows and for bend testing. Results
of TVs with plated copper pads with plated gold layer but no NiO layer on top, M33 and M34,
are shown. M33 was excised and bend tested, whereas M34 was not. There was approximately
25% variation in the array resistances, but each array for all 4 surface variations was shown to
be stable as a function of all thermal cycles and bend testing. The slight decrease in resistance
with increasing thermal exposures can be attributed to additional sintering on gold nanopar-
ticles by thermal annealing. Again, this indicates that the individual traces and interconnects
are robust. Thus, these electrodes, traces and interconnects are suitable for application in the
WSP.

Following the thermal stressing and resistance measurements, three individual conductive
serpentines were excised from each frame. Each serpentine is in a format that can be readily
mounted on the bend cycle fatigue tester to see if resistance changes are detected which are
indicative of interfacial failure. It is notable that we did observe some blistering and peeling
of gold ink on copper pads following the thermal stresses (Fig. 6.20a and b). This was not
observed for gold ink on gold electroplated pads (Fig. 6.20c). We believe this delamination
of the gold to be the consequence of oxidative corrosion of the copper pads at the gold ink
to plated copper interface, and that protection of the copper pads with a thin capping layer
of electroplated nickel/gold prior to printing the gold ink on the pads is able to passivate the
copper effectively.

6.9 Battery lifetime of the WSP

Battery lifetime of the WSP depends on the operation of the ECG AFE and the Bluetooth
SoC communication protocols. The WSP operates cyclically in major and minor cycles. A
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major cycle has an active period followed by a quiescent period that can be of zero duration,
i.e., absent. The main reason for operating in this mode is to conserve battery energy during
the quiescent state, and collect and send periodic data to the host during the active period.
Within a minor cycle, the WSP collects and buffers ECG signals and transmits the collected
data. Running the WSP at full transmit power and 100 % duty cycle provides a battery lifetime
of 8 hr. At a lower transmission power (-23 dBm) for the Bluetooth transmitter and a reduced
duty cycle of 25 %, we observed a drastic improvement of the lifetime to 38 hr.

6.10 Chapter conclusions

FHE brings together flexible sensors and silicon ICs under the same platform and utilizes
these two different technologies at their strengths, i.e., flexible sensors for efficient bio-interfaces
and silicon ICs for computational purposes. However, interfacing flexible sensors to FPCBs is
challenging due to bonding and alignment issues. Our integration scheme where both soft
and hard electronics are hosted on one substrate significantly reduces fabrication complexi-
ties. Obviating the use of connectors significantly improves the flexibility of the device while
keeping the connection integrity intact. Further optimization and improvement can be done
on the WSP platform. For example, replacing the coin cell battery from the current design
with a thin-film flexible battery would significantly enhance the flexibility of the device [242].
Moreover, integration of additional bioelectronic, biophotonic, and electrochemical sensors can
take the application of this WSP platform beyond the fitness domain well into medical diag-
nostics. Our demonstration of direct integration of printed sensors to hard silicon ICs can serve
as a stepping stone for a more sophisticated sensing platform where facile integration of novel
solution-processable sensors to silicon ICs will unlock the true sensing capabilities of next-
generation flexible sensors without hindering the flexibility and wearability of the device.
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Chapter 7

Conclusions & outlook

In this thesis, we first presented a review of existing literature on flexible and wearable
health monitoring devices and highlighted the benefits of mechanically flexible sensors and
the use of printing techniques for fabricating the sensors. In Chapter 2, we presented the fab-
rication and low-temperature sintering of printed gold electrodes for bioelectronic interfaces.
We demonstrated the efficacy of the electrodes on conformal surfaces and on the skin to record
ECG, EMG, and bioimpedance data. For biophotonic sensing, in Chapters 3, we presented
an all-organic optoelectronic sensor for pulse oximetry. Which performed on par with exist-
ing commercial finger probe pulse oximeters. We also showed the utility of using organic
optoelectronics for oximetry. Since transmission-mode oximetry can only be performed at the
extremities of the body and requires a pulsatile arterial blood signal, we opted to use reflection-
mode oximetry. In Chapters 4 and 5, we demonstrated the design, sensing methodology, and
fabrication of printed reflectance oximeters. Using an array of reflection-mode oximeters we
performed 2D mapping of oxygen saturation. Finally, in Chapter 6, we discussed a key enabling
technology for flexible and printed sensors - flexible hybrid electronics, where soft sensors are
interfaced with hard silicon-based integrated circuits for wearable health monitoring.

Overall, we demonstrated two sensing modalities - bioelectronic and biophotonic. The
biosignals, sensors, sensing locations and mechanisms are also discussed in detail. The system-
level implementation of the flexible and printed sensors are demonstrated via flexible hybrid
electronics, where the sensors are interfaced to silicon ICs, bridging soft and hard electronics.
Furthermore, this thesis presented wearable medical devices for both vital signs monitoring
and medical-grade diagnostics.

While continuing to add devices, tools, and techniques to the library of sensors, it is pos-
sible to bring all the sensors to an easy-to-use single platform. The materials and methods
utilized here can be expanded to application areas beyond health monitoring. Structural, en-
vironmental, and industrial monitoring can be performed using printed sensors, where the
large-area printability and flexibility of the sensors can be employed. Some of the prospective
projects and the applications scenarios are listed below:

1. Integrated bioelectronic and biophotonic bandage for wound monitoring

2. Wearable multi-sensor platform for continuous health monitoring



CHAPTER 7. CONCLUSIONS & OUTLOOK 144

3. Printed large-area sensor array for structural health monitoring

4. Flexible hybrid electronics for industrial and environmental monitoring

7.1 Integrated bioelectronic and biophotonic bandage for wound mon-

itoring

Chronic skin wounds, a silent epidemic, results in an estimated US$25 billion cost every
year. Lack of a standardized method for wound sensing and monitoring is affecting over 2.5
million patients just in the United States each year [146]. Almost a third of the dermatological
health budget in the US is spent on treating chronic skin wounds [147]. An elegant solution to
this problem can be realized using flexible printed bioelectronics. The scope of flexible electron-
ics stretches beyond electronic gadgets and has the potential to revolutionize both in-hospital
and in-home health monitoring. Flexible electronics for medical sensing is advantageous over
conventional electronics because flexible electronics can efficiently extract biomedical signals
from conformal surfaces without compromising signal quality. Two of the biggest impediments
of implementing a user-friendly and efficient wound sensor are:

• Most sensors are designed using bulky and rigid electronics, which are not comfortable
for the patients and do not conform to the skin.

• Wound sensing require high-end optical tools, making the instrument expensive and the
measurement cumbersome.

In Chapter 2, we used electrical impedance tomography for mapping wound progression
in vivo on a rat model [3]. We observed that impedance measurements of tissues in vivo correlate
better tissue health with more reactive impedance values. And damaged tissue due to pressure
demonstrated less reactive impedance values. Impedance was robustly correlated with tissue
health across multiple animals. A flexible electrode array was used for mapping the wound,
which provided a significant edge over conventional rigid printed circuit boards by conforming
to the skin and reaching deep into the wound.

In addition to impedance spectroscopy of wounds (Chapter 2), wound oxygenation data
(Chapters 4 and 5) would be beneficial to physicians for treatment planning [243]. A smart ban-
dage that utilizes both impedance spectroscopy and tissue oxygenation to determine wound
healing is shown in Fig. 7.1a. In this sensor, printed electrodes are used to collect impedance
data from the wound, while the optoelectronics are used to perform tissue oxygenation mea-
surements (Fig. 7.1b). The fabrication and application of the printed electrodes are discussed in
Chapter 2. As for the biophotonic sensing, we developed processing techniques for manufac-
turing the optoelectronic sensing layer - the red (612 nm) and NIR (725 nm) OLEDs and OPDs
in Chapters 4 and 5. At these wavelengths, oxyhemoglobin (HbO2) and deoxyhemoglobin (Hb)
have different absorptivities, and the absorption ratio of HbO2 and Hb at red and NIR wave-
lengths provide oxygenation. Once the sensor is developed, the bandage can be utilized to
monitor wounds in animal models. Different stages of wound healing: (1) the inflammatory
phase, (2) the proliferative phase, and (3) the tissue remodeling phase demonstrate various
concentration and behavior of wound oxygenation. Furthermore, the effect of oxygen and its
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Figure 7.1. An integrated bioelectronic and biophotonic wound sensing platform. (a) Sensor
placement on a skin wound. (b) The bottom and cross-sectional views of the sensor. The
sensing area with a radius of 1” (grey dotted circle in the bottom view). (c) Collected data is
reconstructed by interpolating the data in a 2D space to create spatial maps of impedance and
oxygenation.
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reactive species on wound healing can be studied, an analytical model, which will correlate
oxygen concentration to the stage of the wound can be developed.

Although a vast amount of literature can be found on flexible sensors, studies on the ap-
plication of flexible sensors for wound monitoring and healing are scarce. The flexible sensor
described here applies organic electronics in the medical device field. If implemented in a
disposable bandage form factor, an organic medical sensor does not face the stability issues
that have hindered organic electronics in long-term applications such as displays and energy
harvesting due to the substantially shorter device lifetime required. Rather, the large-area scal-
ability, inexpensive processing and flexibility of flexible organic electronics will allow medical
sensors to be made in new shapes and sizes, diversifying possible sensing locations on the hu-
man body, enabling medical professionals to better monitor their patients’ care. Additionally,
impedance and oxygenation mapping for wounds will provide medical professionals with a
quantitative measurement of the wound healing, also aid in treatment planning.

7.2 Wearable multi-sensor platform for continuous health monitor-

ing

Wearable non-invasive medical sensing is extremely promising for monitoring stress and
human performance during physically demanding tasks. These vital signs, namely, tempera-
ture, heart rate, respiration rate, and blood pressure are the measurements of the body’s most
basic functions and are useful in assessing the physical state of a person. In addition to vital
signs, bodily fluids such as sweat and tears also contain a large amount of information on the
physiological state of a person. For obtaining an overall snapshot of a person’s physiological
state, assessing both vital signs and analytes in bodily fluids are essential. To date, a sensor
platform capable of simultaneously measuring vital signs and analytes in bodily fluids has
not been demonstrated. An integrated sensor platform that can utilize electrochemical sensors
and record vital signs simultaneously. This sensor platform is promising for both fitness and
medical-grade sensing. Since biosignals can be measured from different parts of the body, this
sensor platform can be integrated into clothes, gloves, helmets, shoes, or used standalone as a
sensor patch (Fig. 7.2).

Continuous health monitoring via the sensor platform can be used by athletes, pilots,
soldiers, and patients. An integrated sensor platform with electrochemical and vital signs
is promising for both fitness and medical-grade sensing. An open source project where the
hardware, firmware, and software are made available to researchers for enriching the multi-
sensor platform will help the whole research community. Using wireless modules, physicians
and medical professionals will be able to collect data seamlessly. A variant of this platform
can be used for sleep apnea studies, where the electrodes are used to record EEG signal,
and the reflectance oximeter records oxygenation. Additionally, developing countries, where
medical resources are scarce, can benefit by using the low-cost printed sensors and diagnostic
tools. Fabricating medical devices and diagnostic tools with printing techniques can greatly
enhance the affordability of healthcare and medical diagnostics in developing counties. Overall,
developing and enriching the printed medical sensors can create new avenues for low-cost
medical devices, hence helping the developing countries where the need for healthcare is dire.
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Figure 7.2. An integrated flexible and wearable multi-sensor platform. Both vital signs and
analytes in bodily fluids are used to provide an overall snapshot of a person’s physiological
state.

7.3 Printed large-area sensor array for structural health monitoring

Structural health monitoring (SHM) is an application domain that can be considerably
benefited by printed large-area electronics. Civil structures require sensors to be placed over
an area to collect information from the structure – silicon electronics over large-area is not as
cost-effective as the price of vacuum processing drastically increases with area scaling. On the
other hand, printed electronics can be fabricated in roll-to-roll processes on flexible substrates,
making them ideal for large-area SHM. The structural integrity of civil infrastructures declines
gradually over time – by incorporating printed sensors on the structures, the health of the
infrastructure can be estimated through statistical analysis of the sensor data. In the case of
natural disasters such as earthquakes, this real-time monitoring of structural health can prove
invaluable for preventing loss of life and property. Cumulative absolute velocity (CAV) can be
used as an instrumental index to quantify the potential earthquake damage to structures, which
can be derived from sensor data [244]. A proposed sensor array for SHM is shown in Fig. 7.3,
where an array of strain gauges and accelerometers are used to collect information from the
structure, this data can be utilized to monitor the local damage to the structure [245]. Similar
approaches can be utilized for monitoring the structural integrity of automotive, airplanes,
and machinery. Developing printing techniques for the relevant sensors, and utilizing them for
monitoring of civil structures, automotive, airplanes, and machinery can vastly improve SHM.
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Figure 7.3. Large-area sensor array for structural health monitoring - the health of the infras-
tructure can be estimated through statistical analysis of the sensor data.

7.4 Flexible hybrid electronics for industrial and environmental mon-

itoring

Flexible hybrid electronics brings together flexible sensors and silicon ICs under the same
platform and utilizes these two different technologies to their strengths, i.e., flexible devices
for sensing and silicon ICs for computational purposes. While in this thesis we discussed
sensors that were designed for medical applications, the same sensors can be purposed for
industrial and environmental monitoring. For example, using an array of NiO thermistors, the
temperature of batteries can be monitored (Fig. 7.4), which can be used as a safety feature to
avoid thermal runaways of batteries [246].

Moreover, printed temperature, humidity, pressure, gas, etc. sensors can be utilized for
industrial, environmental, and agricultural applications. When combined with wireless con-
nectivity these sensor nodes will be able to create a smart mesh network, which will provide
insights into the products as well as the environment under industrial settings. Additionally, by
implementing machine learning algorithms on these sensor systems, anomaly and erratic be-
havior can be predicted, which can be useful for executing preventative measures, for example,
shutting down certain tools in an industry, or notifying workers of a toxic gas leak.

7.5 Outlook

Internet of things (IoT) is growing exponentially, it is expected to hit 30 billion objects
by 2020. Flexible and printed sensors are most-suited for large-scale sensing. In the past
few years, researchers have been aggressively investigating flexible and printed electronics
for sensing applications. Conventionally semiconductor processing is a bit constrained be-
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Figure 7.4. Printed nickel oxide thermistor array for mapping the temperature of batteries.

cause vacuum processing is expensive and scaling to large areas is even more challenging.
If we can print sensors as we print newspapers that would be the most elegant solution.
The cost, form factor and fabrication of printed electronics are a perfect match for medi-
cal/environment/agricultural/structural sensing. Coupled with the internet of things and
machine learning algorithms, these devices will provide the ideal sensing platform. We will
still rely on silicon ICs for data processing and communication, because of the unparallel per-
formance advantage of the silicon ICs. Therefore, flexible hybrid electronics will become the
balance of the two fields. We envision in the next 10 years, the emerging field of flexible hybrid
electronics will grow not in just academic but also in industrial research. We believe if these
devices are implemented using low-cost large-area manufacturing, they can positively impact
our community.
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