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ABSTRACT

Micron-scale monolithically-integrated ultrasonic wireless sensing motes
for physiological monitoring

Chen Shi

There has been increasing interest in emerging implantable medical devices
(IMDs) for continuous in vivo sensing of physiological signals, including tem-
perature, PH, pressure, oxygen, and glucose, directly at the target locations.
Many of these applications can benefit from wireless, miniaturized IMDs that
eliminate the percutaneous power cords and facilitate the implantation proce-
dures.

This thesis describes such a device for real-time in vivo monitoring of physi-
ological temperature, such as the monitoring of core body temperature and tem-
perature evaluation during thermal-related therapeutic procedures. Featuring
a custom temperature sensor chip with a micron-scale piezoelectric transducer
fabricated on top of the chip, the monolithic device, in the form of a mote,
measures only 380 ym x 300 gm x 570 ym and weighs only 0.3 mg. The de-
vice utilizes ultrasound for wireless powering and communication through the
on-chip transducer and achieves aggressive miniaturization through “chip-as-
system” integration. The proposed motes were successfully validated in both in
vitro experiments with animal tissues and in vivo settings with a mouse model.
Compared to the state-of-the-art and equivalent commercial devices, the motes
performed comparably or better in a fully-wireless manner while presenting a
more compact form factor.

Such extreme miniaturization through monolithic integration enables multi-
ple of these motes to be implanted/injected using minimally invasive surgeries
with improved biocompatibility and reduced subject discomfort. This offers

new approaches for localized in vivo monitoring of spatially-fine-grained tem-



perature distributions and also provides a platform for sensing other types of

physiological parameters.
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Chapter 1

Introduction

The significant invention of the integrated circuit (IC) in 1958 followed by the rapid
growth of the complementary metal-oxide-semiconductor (CMOS) technology as the
dominating IC fabrication process [1] has brought us into a digital age. Virtually
every electronic device in our daily life is equipped with CMOS ICs, where metal-
oxide-semiconductor field-effect transistors (MOSFETs) are densely manufactured on
monolithic pieces of silicon material. Driven by the miniaturization of these transis-
tors, the number of MOSFETs on an IC of the same size increases exponentially
over time as described by the Moore’s Law [2]. This technology scaling of transistor
size results in circuits with largely reduced form factors, power consumption, and
manufacturing costs in combination with greatly improved performance [1] compared
to those constructed of discrete electronic components. The CMOS technology not
only revolutionizes the electronics industry but also has a transformative impact on

society.



Such great technological advancements of modern electronics have led to the
continuous innovations in medical devices specifically designed for healthcare and
biomedical applications [3]. These devices can provide the surveillance of health sta-
tus, the assistance and augmentation of physiological functions, and the mitigation
and treatment of diseases [4]. Historically, most of the medical devices, implemented
with discrete components and connected to the body by many electrical lead wires
and cables, have been large-sized, inconvenient to use, and expensive to produce [5].
However, the advanced CMOS technology can realize the same functionality in tiny
ICs with much smaller footprints. These CMOS ICs enables the development of
miniaturized, integrated, and sophisticated medical devices with high performance

and low cost for various medical needs.

1.1 Implantable medical devices (IMDs)

Medical devices are either noninvasive or invasive depending on whether intrusion or
penetration of the human body is involved. A noninvasive device does not violate
the integrity of the body and can be used without cutting or puncturing the skin [3].
On the other hand, an invasive device requires the insertion into the targeted part
of the body by medical procedures [3], either through a cut in the skin or through a
natural orifice [6].

Implantable medical devices (IMDs) form a major class of invasive devices. They
can be embedded or inserted in the interior body parts to perform in-vivo, in-situ
monitoring, enhancement, and manipulation of physiological activities in the antici-
pated manner [7]. They are of particular interests in situations where conventional
medications and surgical interventions have produced unsatisfactory response for cer-
tain diseases, or accurate and continuous monitoring of physiological parameters in-
accessible from outside of the body is needed.

IMDs find wide applications in both the diagnostic and therapeutic procedures,



including measuring vital biological signals to keep surveillance over the physiolog-
ical state of an individual, overcoming various diseases from neurological disorders
to heart failures, and delivering controlled amount of drugs to the targeted sites
precisely [3]. A variety of IMDs can be deployed in various body parts to provide
essential structural and functional support and restoration as well as physiological
monitoring, as illustrated in Figure 1.1 (adapted from [7]). Some notable examples
include cardiac pacemakers to control abnormal heartbeats [8], cochlear implants to

recover hearing loss [9], implantable neurostimulators to treat neurodegenerative dis-

Brain—computer
interface

ECoG array

Retinal
implant Deep brain
stimulation
Cochlear
implant Instrumented
stent
Pacemaker
Upper limb
neuroprostheses
o Implantable
defibrillator
Drug delivery
implant

Bladder pressure
sensor

Lower limb
neuroprostheses

Figure 1.1: Common examples of IMDs implanted at various parts of the interior
body for sensing and actuation.



eases [10], subcutaneous sensing systems to continuously monitor blood glucose [11],
and deep organ sensors to monitor bladder pressure [12]. These IMDs are making
broad scientific and translational impact and improving the quality of life for millions
of people [7].

This thesis focuses on IMDs for measuring vital physiological signals in sensing
abnormal variations to inform the health status of the human body. Specifically,
a novel, micron-scale sensing device the size of a grain of sand is presented for in
vivo physiological monitoring. This device, referred to as a sensing mote, achieves
such aggressive miniaturization by integrating all the functionality monolithically in
a custom CMOS sensing IC and enables new applications unachievable with larger

devices.

1.2 Thesis outline

Chapter 2 provides the background information related to this work, mainly including
physiological signal monitoring and design considerations of IMDs for such monitoring
applications.

Chapter 3 describes the design approaches for the proposed sensing motes and
the testing procedures to verify their electrical functionality.

Chapter 4 introduces the microfabrication techniques enabling these micron-scale,
fully-integrated sensing motes.

Chapter 5 presents the experimental results of characterizing these integrated
sensing motes. The in vitro validation of the sensing performance of the motes using
chicken tissues as well as the in vivo evaluation with laboratory mice are discussed.

Chapter 6 concludes this work with a summary of the original contributions to
the fields of miniaturized implantable sensing systems. Future improvements and

potential extension for this work are also considered.



Chapter 2

Background

2.1 Introduction

Physiological signals are vital signs of human health. Some common examples are
temperature, oxygen, nitrogen, glucose, pH, lactate, electrolytes (Ca*", Mg*", KT,
Na™, etc.), inflammatory cytokines, and innate biological markers like lysozyme and
lactoferrin [4]. Continuous monitoring of these physiological parameters is crucial for
managing personal healthcare by early detection of health issues [4] and has been
of great interests to health practitioners and professionals for a long time. Such
monitoring can predict, diagnose, and prevent serious diseases, such as hypertension,
diabetes, cancers, cardiovascular diseases, neural disorders, stroke, chronic pain, and
obesity.

Conventionally, physiological signals are measured using bulky, expensive equip-

ment or through tedious, inconvenient procedures. Consider the case of measuring



blood pressure as an indicator for hypertension. A sphygmomanometer machine is
usually used, which keeps the arm of a subject inside the inflatable cuff for taking
measurements and limits the mobility and movement of the subject. Another example
is the glucose measurements for patients with diabetes. Typically, the blood samples
have to be acquired at regular intervals to examine the glucose concentration. Both
types of measurements are inconvenient and impractical to perform continuously on
a daily basis [3].

More effective and convenient monitoring can be achieved by using IMDs (also
referred to as implants) equipped with suitable sensors for the specific physiological
signals of interests; theses sensors convert the biological signals into electrical signals,
which are processed and transmitted to the outside world. Such implants can acquire
accurate, real-time, and clinically-relevant physiological conditions by performing in
vivo sensing directly at the target locations, allowing necessary interventions or ther-
apies to be deployed at the onset of abnormal events [4, 13]. As a result, IMDs gain
increasing popularity for both the transient and long-term monitoring of physiolog-
ical parameters under acute or chronic scenarios. In the earlier examples of blood
pressure and glucose measurements, implantable blood pressure sensors [14, 15] and
implanted glucose monitors [3, 16] have been developed to enable continuous moni-

toring for these signals in a more potent and viable way.

2.2 Physiological temperature monitoring

Among the various physiological parameters, temperature is an important indicator
of human health, tissue pathology, diseases progression, and thermal effects arising
from particular medical procedures. Therefore, accurate and continuous monitoring
of physiological temperature is important for many biomedical applications ranging
from the diagnosis and therapeutics in clinical settings to the basic scientific re-

search. Three of the major applications include: (1) daily routine monitoring of core



body temperature; (2) temperature evaluation during therapeutic procedures involv-
ing thermal treatments, such as hyperthermia therapy and tissue ablation; (3) tem-
perature monitoring during ultrasound-evoked neuromodulation procedures. These

applications will be elaborated in the following paragraphs.

2.2.1 Monitoring of core body temperature

Core body temperature plays a critical role in many biological processes, including
the regulation of metabolism and homeostasis. It is the temperature of the body’s
core, consisting of deep tissues, internal organs and the cerebrum. It is normally
controlled through thermoregulation and indicates the body’s state of health [17].
Although temperatures in the peripheral regions of the body and extremities vary
depending upon environmental conditions, the core body temperature remains prac-
tically constant at 37 °C under normal conditions. Deviation of more than 1 °C
from the normal level is usually associated with loss of thermoregulation and medical
complications [18].

Therefore, monitoring of core body temperature is crucial for many medical di-
agnoses and finds wide applications in daily routine monitoring and clinical settings
for pre-operative or post-operative patient monitoring. Conventional approaches for
core temperature monitoring include the inconvenient rectal and esophageal probes
[17-21], which are invasive and can cause subject discomfort and irritation at the
probe insertion sites.

There are also commercially-available temperature sensors in the form of ingestible
capsules [17, 20, 22] that record temperature as they travel through the digestive tract.
However, these sensors, including CorTemp (CorTemp HQ Inc.) and VitalSense (Mini
Mitter Co., Inc.), contain biohazardous batteries and present relatively large sizes and
weights (sizes of >20 mm x 8 mm and weights of >1.7 g [20]), causing unnecessary

burdens and discomfort to subjects.



2.2.2 Monitoring for therapeutic procedures

In addition to measuring core body temperature, there are various biomedical needs
for more localized temperature monitoring for therapeutic purposes, such as the hy-
perthermia treatment to eliminate tumors [23, 24] and tissue ablation applications
with high-intensity focused ultrasound [25]. By raising the temperature of tumor-
loaded tissues to 40-43°C, these procedure can be applied as adjunctive therapies
with various established cancer treatments such as radiotherapy and chemotherapy
[24].

For such thermal-related procedures, accurate real-time mapping of induced tem-
perature elevation distributions in tissues at treatment sites is needed for consistent
and proper thermal treatment by controlling the amount of applied energy to achieve
the desired therapeutic effects while avoiding tissue damage [26]. Without tempera-
ture mapping, the adequacy of the treatments can not be assured.

A common approach to such temperature monitoring is the use of implanted
thermal probes placed interstitially within thin plastic catheters in the treatment
site [24, 27, 28]. In addition, magnetic resonance imaging (MRI) can also be used
for measuring temperature by the detection of changes in the water proton resonant
frequency [29]. However, its high cost, low availability, lack of portability, and long

treatment times have limited its applicability to only a handful of applications [30].

2.2.3 Monitoring for ultrasound neuromodulation

Temperature also plays a key role in neuromodulation procedures. Neuromodulation
is the process of inhibition, modification, regulation or therapeutic alteration of nerve
activity, electrically or chemically, through targeted delivery of a stimulus to the
central (CNS) and peripheral nervous systems (PNS).

While the mechanisms are not yet completely understood, neuromodulation through

focused ultrasound (FUS) stimulation has been emerging as a way of achieving both



high spatial resolution (sub-millimeter) and high depths of penetration (several cen-
timeter) while remaining noninvasive, which can potentially provide surgery-free ther-
apeutics. Studies have shown ultrasound-evoked neuronal activity in mice with pres-
sure ranges in the few MPa [31], hundreds of kPa [32, 33] and even below 100 kPa
[34]. The human primary visual cortex has also been excited with pressures in the
MPa range [35].

Ultrasound can have both the thermal and mechanical effects to the nervous sys-
tems. Being able to understand how these effects collaboratively lead to desired
modulation effects is crucial to fully understand the mechanisms of FUS-based mod-
ulation scheme and develop effective therapeutics. For this reason, it is necessary
to acquire the temperature variations during these procedures accurately. Similarly,
these applications also conventionally use external probes for temperature measure-
ments [36].

All the three categories of applications can benefit from replacing external temper-
ature probes or expensive tools like MRI machines with miniaturized, CMOS-based
implantable sensing motes. The design considerations of such a sensing mote is pre-

sented as follows.

2.3 Design considerations of IMDs

The development of advanced IMDs for physiological monitoring involves the careful
considerations of multiple design principles and many application-specific require-
ments. These include power sources and power densities to provide energy to the
implants, sensing modalities, power consumption and the sensing performance of the
interfacing electronics, total device size and weight, placement method and loca-
tion, biocompatibility and safety of implantation, and robust operation for chronic
in vivo deployment [7]. These design aspects, sometimes presenting extremely tight

constraints and even conflicts, will be discussed in detail in the following sections.



2.3.1 Power sources

There are many approaches to provide energy to IMDs. The most intuitive, though
most inconvenient and invasive, way to power an implant is by connecting a wire
passing from an external power supply percutaneously (across the skin of a subject) to
the implant. It impairs the mobility and freedom of the subject. The tethered subject
feels uncomfortable and is tied up due to restrictions on movements [3]. In addition,
such wired device poses serious problems of infection and irritation associated with
wires going through skin and tissues, unsafe for both the subject and the implant.

Another common approach to power up implants is by using batteries. However,
batteries can only power these implants for a fixed lifetime [37, 38], and, once depleted,
require surgical interventions to replace them each time [39, 40]. They also take up
large volumes of the space-limited implants, burden the subjects with extra weights,
incur high replacement costs, and can be incompatible with or even harmful to the
biological environment.

To overcome these limitations, wireless power transfer (WPT) has been developed
as a viable technique to power up IMDs across the skin without any direct electrical
contact between the energy sources and the IMDs [7], eliminating the needs for the
cumbersome and invasive wires or the bulky and biohazardous batteries [40]. Getting
rid of the wires removes the rigid attachment points, the associated risk of infection
[3, 41], and the restraining parameters for the monitored subject [5], allowing safe
monitoring during any activity, while the absence of the batteries greatly reduces
the overall dimensions as well as the implementation and maintenance costs of these
implants [42]. Although possibly less efficient than wires and batteries due to the
energy loss in the intervening tissue medium [3], WPT enables the development of
compact, untethered, and safe implants with long-term, sustainable, and seamless
operation [41, 43, 44].

WPT has been widely adopted across the breadth of the biomedical field as well
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as consumer electronics with various levels of power requirements from nanowatts
(nW) in wireless sensors and radio-frequency identification (RFID) tags, milliwatts
(mW) in near-field communication (NFC), watts in mobile electronics, and kilowatts
in electric vehicles. Figure 2.1 shows some of the state-of-the-art WPT applications

(adapted from [7]).

Figure 2.1: State-of-the-art applications for wireless power transfer. (a) A cochlear
implant; (b) a visual prosthesis; (c¢) a mobile phone charger; (d) an NFC device; (e)
an wirelessly-charged electric vehicle.

There are mainly three types of wireless energy sources: light energy, radio-
frequency (RF) energy, and ultrasound energy. RF energy and light both rely on the
propagation of electromagnetic (EM) waves. RF signals are defined between 30 kHz
and 300 GHz, whereas light ranges from far infrared (10'? Hz) to ultraviolet (107
Hz) [5]. Ultrasound is a mechanical pressure wave (sound wave) with a frequency
above the range of audible frequencies for humans (>20 kHz). Besides being able to
provide power to implants for indefinite periods, these wireless sources can also carry
information, including the commands from the external sources and data acquired by
the implants, to enable bi-directional communication between the implants and the
sources.

The ability to scale the size of a wireless device is limited by the wavelength of the
energy used for powering and communication while the implantation depth is limited
by absorption and scattering of this energy in tissue. These characteristics of the

three wireless sources will be separately discussed in the sections that follow.
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Light

Light can be generated by light-emitting diodes or lasers and received by light emit-
ting and sensitive devices like photodiodes or phototransistors. It offers the shortest
wavelengths (sub-um), enabling the smallest devices. In addition, optical wave com-
munication, using light as the carrier, is immune to EM interference and can offer
high available bandwidth due to a high operating frequency, allowing high data rates
[5], although physiological temperature is usually a slowly-varying parameter that
has a relaxed requirement on data rate.

However, light has very limited penetration depths (typically <1 mm) [45] due to
its reflection and dispersion at the skin interface between the transmitter and receiver,
which causes a huge attenuation. It is, therefore, limited mostly to transcutaneous

applications requiring high-speed communication.

Radio-frequency (RF)

Radio-frequency (RF) energy uses antennas to transmit and receiver the propagated
EM waves for powering and communication. Antenna design is thus one of the most
important aspects for RF-based IMDs, not only due to dimension constraints but
also the effective radiated power within safety limits, which is only 10-100 W /mm?
[46, 47].

Due to a high speed of light, the wavelength of RF energy is at the centimeter-scale
even in the GHz regime, requiring large, centimeter-scale antennas for efficient power
delivery [39, 48]. If the antenna size is reduced to millimeter- or sub-millimeter scales
to enable smaller implants, the power harvesting efficiency will be greatly impaired
[49, 50], which leads to a much higher radiated power for device operation.

In addition, at these frequencies, RF signals get heavily attenuated as they propa-
gate through the human body because of an exponential increase in signal attenuation

as the operating frequency increases, which severely limits penetration depths.
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Ultrasound

Alternatively, ultrasound energy has recently been shown as a novel, promising ap-
proach to enable small implants with large implantation depths [43]. Ultrasound uses
the piezoelectric property found in some materials to convert acoustic energy into
electrical energy or vice versa. As such, piezoelectric transducers replace the anten-
nas employed in the RF-based devices. For the external transmitter, its transducer
converts electrical energy into acoustic energy that is transmitted and harvested by
the transducer of the receiving implant, where the inverse process takes place and
the acoustic energy is transformed back to electrical energy. Ultrasound has a power
transfer efficiency higher than that of RF links and it does not suffer from EM inter-
ference either inside or outside the human body [4].

The widely-used diagnostic ultrasound employs a frequency ranging from 1 MHz
to 15 MHz [51]. Particularly, ultrasound in the sub-10-MHz regime offers the best
trade-offs between device size and penetration depth [43, 52, 53|, allowing for sizes
on the order of 200-300 pum with centimeters of penetration thanks to the low tissue
attenuation of 0.5-1 dB/em/MHz [54]. Ultrasound also offers a much higher safe
exposure intensity limit in tissue, 7.2 mW /mm? [55], compared to that of RF energy,
and is widely used as a safe and noninvasive medical imaging modality. We, therefore,
chose ultrasound for powering the motes developed here and for transmitting the
acquired temperature data. The use of ultrasound also allows these motes to be

identifies with imaging, providing biogeographical information in vivo.

2.3.2 Power consumption

In case of battery-powered IMDs, low power consumption is of paramount importance
to ensure long-term function of the implants and patient safety. In practice, the
operational longevity of the implants is typically dictated by the time between battery

replacements.
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Although this is less of a problem for wirelessly-powered devices, it is imperative to
keep the power consumption low to limit heat generation of the implants and enable
reliable power delivery [3, 11]. This also ensures that the requisite power level of the
wireless sources complies with the governmental regulations on the exposure limits
for human body [5]. Tight power budgets call for efficient power-harvesting front-
end circuitry, low-power sensing modules, as well as power-saving data transmission

schemes for these wireless implants.

2.3.3 Sensing performance

A sensor with high performance is critical in detecting and interpreting the events
or changes in the variable of interests accurately and reliably. Particularly, for phys-
iological monitoring, the quality of the outcomes of the sensing electronics directly
impacts diagnosis and informs medical decisions.

Temperature sensors involve the careful examinations of multiple design metrics,
including temperature range that the sensor can accurately interpret, resolution (the
smallest detectable temperature change), accuracy (the different between the actual
temperatures and the sensor outputs), calibration type (the number of points required
to calibrate the sensor for accurate readings), power consumption of the sensing
electronics, and supply voltage at which the sensor is operated.

In healthcare applications, temperature sensors typically requires a smaller tem-
perature range (35 to 50°C), higher resolution (0.1 °C) [56], and higher accuracy ( 0.1
°C) [57] than in general applications. Maintaining a high sensing performance while

keeping the power consumption low is the key driver for reliable implants.

2.3.4 Biocompatibility

One of the most important characteristics of IMDs is biocompatibility, defined as

being nontoxic, inactive, and bioinert. A biocompatible IMD must not cause irrita-
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tion to the surrounding tissues and any other long-term harmful effect to the host
body [7]. Specifically, biocompatibility presents the following five properties: non-
toxicity (not toxic to cells), non-genotoxicity (not toxic to genetic information within
cells), non-mutagenicity (not causing damage to the genetic material, usually DNA),
non-carcinogenicity (not causing cancer), and non-immunogenicity (not inducing the
immune response) [58]. The two major strategies to improve biocompatibility for
IMDs include system miniaturization and biocompatible packaging, separately dis-

cussed as follows.

2.3.5 System miniaturization

As invasive devices, IMDs can present acute and chronic biological response that
imposes negative effects on health and neuronal function, such as tissue strain, loss of
perfusion, inflammation, and foreign body rejection [4]. The invasive procedures to
implant these devices often causes discomfort, long recovery time, and post-surgery
traumas and infections [59, 60]. An effective approach to minimize these adverse
effects is to aggressively reduce the overall size of the IMDs to millimeter-scale or
even micron-scale.

The advantages of system miniaturization are manifold: (1) small devices can be
conveniently implanted through minimally invasive surgeries or even injected through
syringes [59, 60], avoiding the trauma and infection associated with more invasive
procedures; (2) miniaturized devices reduce foreign body rejection and tissue damage,
and improve biocompatibility and chronic viability [11, 61, 62]; (3) the small size
allows devices to be placed in limited interstitial spaces and enables new monitoring
applications and treatment procedures [39, 43, 61]; (4) miniaturization allows for
more direct interactions with biological environment at the cellular and sub-cellular
levels [39, 63]; (5) the small size increases the safety and lifetime of devices [60, 64];

(6) miniaturized devices interfere less with the physical functions to be monitored
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[5] and introduce low mechanical mismatch. It is, therefore, essential to reduce the
overall sizes of IMDs.

The needs for miniaturization lead to custom designed CMOS ICs (also referred
to as chips) that integrate the desired functions on tiny silicon dies [5]. Most com-
ponents in IMDs, including electrodes, amplifiers, oscillators, memory, and wireless
communication systems, can be implemented with ICs [39] thanks to the advances of
CMOS technology as governed by the Moore’s Law. As a result, the dimensions and
weights of IMDs have been reduced from centimeter to millimeter and from ounces
to fractions of a gram, respectively [7]. In addition, the elimination of bulky batteries
and wired interfaces through wireless powering and communication has also reduced
the sizes of IMDs [59, 60].

In addition, system miniaturization for IMDs can be further achieved through het-
erogeneous integration of CMOS ICs and other components into a compact system,
denoted as the “More-than-Moore” strategy [65]. It is a recent trend that augments
IC functionality by integrating components or devices that can offer additional ca-
pabilities, such as sensors or actuators to interact with the outside world and energy
sources for powering the device [66].

For implants that use ultrasound as the power and communication medium, the
piezoelectric transducers usually dominate the device volumes. Reducing the trans-
ducer size down to the order of hundreds of um reduces the overall device size. To
effectively interface with these micron-scale piezoelectric transducers and achieve the
smallest overall volume for these motes, we employed “chip-as-system” integration
[67] by directly integrating the transducers with CMOS ICs. Such a far-back-end-of-
the-line integration approach allows these motes to be viewed as “More-than-Moore”

enhancements to CMOS [65, 66].
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2.3.6 Biocompatible packaging

Packaging refers to the process of applying a biocompatible package to house all the
components of an IMD into an enclosed system for reliable implantation. The hu-
man body is an intricate and delicate living system that may be harmed by some
components of the implanted IMD. Meanwhile, the conductive bodily fluids of the
body contain many chemical and biochemical species that can affect the performance
of the implant [68]. As the outmost layer of the implant, the package directly inter-
faces with the body; it needs to isolate the implant from the corrosive bodily fluids
while protecting the body from any harmful material within the implant [7]. With
appropriate packaging, the implant is able to perform the desired function without
producing any adverse effect [58].

Besides biocompatibility, the packaging materials need to be robust, lightweight,
low-cost, and water-tight. They should present minimal influences on the sens-
ing/actuation functionality and wireless power transfer and data transmission for the
implants. Therefore, polymeric materials, such as polyimide (PI), poly(p-xylylene)
(parylene), polyether ether ketone (PEEK), polydimethylsiloxane (PDMS), and lig-
uid crystal polymer (LCP), have emerged as alternatives to the conventional ceramic
and metal packages like aluminum oxide and titanium, respectively [58]. Polymers
have high resistance to biological reactions, low densities and small volumes, low
costs, high mechanical flexibility, and easy molding and processing [3]. They can be
conveniently deposited as thin films with a variety of techniques and can take any
shape as conformal coatings for implants, enabling the fabrication of miniaturized
devices for various medical applications [7].

Among these polymer materials, we chose parylene as the encapsulation layer for
the proposed motes. Parylene serves as a common protective coating for biomedical
devices, such as stents, pacemakers, and neural interfaces [69]. It is a nontoxic,

bioinert, and biocompatible material (currently qualified as a Class VI polymer by
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the Food and Drug Administration [70]). In addition, it is chemically and biologically
stable, mechanically flexible (Young’s modulus ~4 GPa), and CMOS-compatible and
allows room-temperature, pinhole-free deposition with conformal coverage [58, 71].
Parylene shows unique barrier properties from both the electrical and the chemical
perspectives. On one hand, its satisfactory dielectric performance (a low dielectric
constant of ~2.95 at 1 MHz and high resistivity of ~8.8 x 10'® Qm ) makes it a good
dielectric barrier and allows very low leakage current [58, 69, 71]; on the other hand,
its unique moisture barrier properties with low water vapor and oxygen permeability

[7, 58] can isolate the integrated chips from bodily fluids.

2.4 Focus of this thesis

In light of these design criteria, this thesis makes efforts to address the emerging needs
for the next-generation implants that are miniaturized, integrated, and wireless with
a low power consumption and high sensing performance for long-term, reliable in vivo
physiological sensing.

Particularly, a micron-scale, ultrasonic wireless sensing mote for continuous in
vivo temperature monitoring is presented. The mote holds linear dimensions of 380
pm x 300 pm x 570 pm, resulting in a total displaced volume of 0.065 mm? and a
mass of only 0.3 mg, orders of magnitude smaller and lighter than the commercial
sensing capsules, while consuming only 0.813 nW of power at 37 °C. It achieves
such extreme miniaturization through the monolithic integration of a custom low-
power CMOS temperature sensor chip with a micron-scale piezoelectric transducer;
specifically, the transducer is directly fabricated on the top surface of the CMOS chip
containing all the interfacing electronics [72]. This allows these motes to be implanted
using minimally-invasive procedures or even injected using a syringe with improved
bio-compatibility and reduced foreign body response and offers new approaches for

localized in vivo monitoring of spatially-fine-grained temperature distributions.
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Chapter 3

Design of a Temperature

Sensing Mote

3.1 Introduction

The temperature sensing mote contains a custom sensor chip implemented in a 180-
nm CMOS technology and a single piezoelectric transducer integrated on top of the
chip without any other interfacing electronics or bonding wires (as found in larger
millimeter-sized sensing systems [39, 45, 52, 59, 73-75]). An external ultrasound
probe transmits ultrasound energy to the mote, which is converted by the integrated
transducer into electrical energy to wirelessly power the chip. The chip modulates
temperature information on the reflected ultrasound echoes returning to the external

ultrasound probe through acoustic backscattering [74-77], thus allowing both wireless

19



power and data transmission. There exist other methods for communication, such
as the utilization of a dedicated piezoelectric transducer driven by a transmitter
[78] or the employment of an RF coil antenna [52]. These require additional circuit
blocks that cost power and area, not feasible for the miniaturized sub-0.1-mm?® mote
described here.

Figure 3.1 shows the system architecture and block diagram of the mote. The
embedded sensor chip in the mote contains a front-end block to convert the incoming
AC signals from the on-chip transducer into a stable DC supply for the rest of the
chip, a temperature-sensing block to perform temperature measurements, and a mod-
ulation block to transfer the temperature information back to the ultrasound source
by actively modifying the input impedance of the integrated piezoelectric transducer
(piezo). We used a commercial linear-array ultrasound probe, L12-3v (Verasonics,
Inc.), coupled with a programmable and configurable ultrasound transceiver array,
the Vantage 256 system (Verasonics, Inc.), to perform ultrasound energy transmission
and data acquisition and analysis through a MATLAB (The MathWorks, Inc.) inter-
face. The Vantage system can be programmed to generate ultrasound at a specific
frequency with the desired waveform (including pulse duration and pulse repetition
period), beam profile (including focal depth and steering angle), and output power

level through the L.12-3v probe. Pulsed ultrasound with an ultra-low duty cycle of
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Figure 3.1: The system diagram demonstrating the operating principles of the mote.
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<0.5% is used for receiving the acoustic backscattering data. After transmitting each
pulse to the mote, the ultrasound system receives the reflected echoes and extracts
the temperature information modulated on the echoes during the idle time in which
there is no ultrasound transmission until the next pulse is transmitted, enabling con-
tinuous real-time acquisition of temperature data with repeated pulses. This imposes
strict requirements on the power harvesting and energy storage components of the
mote to maintain proper circuit functionality even without input power, which will
be addressed in Section 3.3.

With an extremely compact and lightweight form factor, a number of these motes
can be injected into animals to perform localized in vivo real-time monitoring of the
core body temperature or continuous acquisition of temperature distributions during
thermal-related procedures with the biogeographical location of the mote contained
in the ultrasound image. Figure 3.2 illustrates how multiple motes can be used for
mapping physiological temperature inside animal tissues.

The design of such a sensing mote involves the coordinated design of the CMOS
chip and the piezoelectric transducer that interfaces with the chip, both of which will

be respectively addressed in Section 3.2 and Section 3.3.

3.2 Characterization of piezoelectric materials

Piezoelectric materials have unique properties that allow them to convert electrical
energy into mechanical energy and, for that reason, have been utilized for decades as
ultrasound transducers in medical imaging. These same materials can also be used
to harvest energy from ultrasound waves to power implants and transmit data by
modulating information onto an ultrasound carrier. For this reason, they were used
as the transducers for the proposed sensing motes.

Piezoelectricity can be introduced to some materials by poling, a procedure of

applying high electrical field at elevated temperature [79], which orients the polar
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Figure 3.2: Conceptual figure illustrating the proposed motes with integrated piezo-
electric transducers performing in vivo temperature monitoring.

domains of the materials in the direction of the external electrical field [80]. These
materials now exhibit macroscopic piezoelectricity. They physically deform in the
presence of an electric field, or conversely, produce an electrical charge when me-
chanically deformed. Specifically, if a voltage is applied in the same direction as the
dipoles (the direction of the poling electric field) in a piezoelectric material, the ma-
terial elongates in that direction. On the other hand, the change in volume due to
mechanical stress exerted on the material along the direction of the dipoles cause the
surface charges to be separated across the material, which is a dielectric [80]. This
charge separation creates a voltage across the material under open circuit conditions
or gives rise to a current flow under closed circuit conditions [81].

There are inorganic and organic piezoelectric materials. Inorganic ones include
lead zirconate titanate (PZT), aluminum nitride (AIN), zinc oxide (ZnO), barium

titanate (BaTiO3), lithium niobate (LiNbO3), and quartz. They are rigid and bio-
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compatible or can be made biocompatible after being properly encapsulated. Organic
materials, including polar polymers like polyvinylidene difluoride (PVDF), are flex-
ible and biocompatible. Implants made of piezoelectric polymers are less expensive
in terms of material cost and processing. However, when compared to inorganic
piezoelectric materials, an organic piezoelectric material often shows more inferior
piezoelectric properties [82].

The piezoelectric activity of a material can be characterized using the electrome-
chanical coupling coefficient, a numerical measure of the conversion efficiency between
electrical and mechanical energy [81]. A coupling coefficient of 1 implies perfect cou-
pling between the mechanical and electrical domains [83]. In addition, for power-
harvesting applications, the piezoelectric coefficient ds3, which relates the charge de-
veloped on the film surface to the stress exerted on the material, is of particular
interests. A higher ds3 is always preferable as it indicates more charges generated
and more energy harvested by the material given the same mechanical stress, or the
same input pressure in terms of an ultrasound source.

Two major piezoelectric materials, PVDF and PZT, were considered in this thesis.
Their properties, electrical models, and impedance measurements will be discussed

in Section 3.2.1 and Section 3.2.2, respectively.

3.2.1 Polyvinylidene difluoride (PVDF)

PVDF is a flexible, biocompatible, semi-crystalline fluoropolymer in the form of thin
films [63, 84]. Its unique piezoelectric properties after poling was first discovered
by Kawai [85]. Compared to other piezoelectric materials such as PZT, PVDF suf-
fers from relatively poor dielectric and electromechanical coupling properties [86, 87].
Nevertheless, it is widely used in ultrasound imaging and power harvesting applica-
tions due to its advantages of high voltage sensitivity that can provide a higher out-

put voltage than other materials for the same pressure input, low acoustic impedance
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comparable to that of water and biological tissues, high compliance and toughness,
mechanical durability and chemical resistance, flexibility that conforms to nonuniform
surfaces, and availability in large area sheets [86, 88, 89].

PVDF is synthesized by addition polymerization of the CHy=CF5 monomer, and
exhibits a, £, 7, and § phases. Among the four phases, the o phase is not piezoelectric,
while the v and 0 phases are uncommon. The [ phase form, however, has a net dipole
moment pointing from the fluorine to the hydrogen and therefore exhibits the largest
effective dipole moments, resulting in piezoelectricity in the PVDF polymer [90].

The electrical model of PVDF is shown in Figure 3.3. Cp and Rp represent
the parallel-plate capacitance and the dielectric loss resistance of the transducer,
respectively. The series equivalent resistance-inductance-capacitance (RLC) resonant
branch of Rg, Ls and Cg captures the mechanical behavior and models the electrical

equivalent of the mechanical resonance [91, 92].

Ls Rs Cs

Figure 3.3: The electrical model of PVDF.

The impedance measurements of seven PVDF pieces with varying sizes from 2.4
mm X 2.4 mm to 16.1 mm X 16.4 mm were performed with a network analyzer
(N5230A, Keysight Technologies Inc.) from 1 MHz to 100 MHz. This study employed
commercially-available, uniaxially-oriented, and pre-poled PVDF (Measurement Spe-

cialties) sheet with a thickness of 33 pym. The film thickness was confirmed with a
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stylus profiler (Dektak-XT, Bruker).

The measured impedance across frequency in the form of S;; parameter was con-
verted to Z;; parameter, from which the values of Cp, Rp, Lg, Rg, and Cs can be
extracted as proposed in [86]. The component values of the electrical model derived
from the measured impedance at a frequency of 7.8125 MHz for all the seven samples
are summarized in Table 3.1.

Table 3.1: Derived component values of different sizes of PVDF.

oy | Co®F) | Ro(®) | Ls(ui) | Rs(®) | Cs (pF)
2.4 x 24 10.16 8568.82 284.12 5276.03 0.08
2.4 x 4.5 17.62 4584.16 159.69 3082.58 0.14
4.3 x 4.4 32.33 2526.74 74.50 1495.79 0.30
4.4 x 8.2 59.69 1357.03 39.80 766.01 0.55
7.9 x 85 111.29 735.89 20.44 391.53 1.07
8.7 x 16.2 229.41 356.92 9.62 182.91 2.28
16.1 x 16.4 416.45 197.57 5.15 95.58 4.35

The comparison of the measured impedance and the modeled impedance for the
2.4-mm-by-2.4-mm piece is shown in Figure 3.4, indicating that these extracted values
match well with the actual impedance of PVDF.

Furthermore, it is noted that component values scale either proportionally or
reversely with the area of the film (Figure 3.5). Among the five components, Co and
Cy scale linearly with film area, while Rp, Lg, Rg are reversely related to area. With
area scaling, the magnitude of the input impedance scales down linearly as area goes

up, and the phase stays the same.

3.2.2 Lead zirconate titanate (PZT)

PZT is a piezoelectric ceramic material that exhibits superior piezoelectric properties.
The type of PZT used in this work is PZT-5H, which has a high electromechanical

coupling coefficient of ~0.75 and a satisfactory ds3 value of ~650 pC/N [93].
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Figure 3.4: The modeled impedance in comparison with the measured impedance for
a 2.4-mm-by-2.4-mm piece of PVDF.

It can be electrically modelled as a parallel-plate capacitor along with a series RLC
branch representing the mechanical resonance of PZT [94], as depicted in Figure 3.6.
Due to the great dielectric properties of PZT, the dielectric loss resistance present in
the model of PVDF is eliminated here in the model of PZT.

A piece of commercially-available, pre-poled 267-pum-thick PZT bulk material
(Piezo Systems, Inc.) was diced into smaller samples with widths ranging from 1
mm to 4 mm using a dicing saw (DAD3220, Disco). Their impedances were acquired
from 6 MHz to 10 MHz with the network analyzer. In order to simulate the acoustic
load to the PZT when implanted, the measurements were performed by immersing
the PZT piece into deionized (DI) water as the ultrasound transmission medium with
an acoustic impedance close to that of biological tissues. The values of the electrical
components in the PZT model (Figure 3.6) derived from the measured impedance
are summarized in Table 3.2. The comparison of the measured impedance and the
modeled impedance for the 4-mm-by-4-mm piece is displayed in Figure 3.7, showing

an correspondence between the model and the measurements. Similar to PVDF, PZT
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Figure 3.5: The area-scaling effect of the electrical model of PVDF.

also exhibits the area-scaling property, which can be used to derive the impedance

for different sizes of PZT from these measurements.
The smallest feature size of the PZT transducers employed to interface with the

CMOS chips was chosen to be 250 pym in length, 250 pym in width, and 267 pum
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Figure 3.6: The electrical model of PZT.

Table 3.2: Extracted component values of different sizes of PZT.

Size (mm) Co (pF) Ls (pnH) Rs (©2) Cs (pF)
4 x 4 680.21 1.97 3.65 200.73
3.5 x 3.5 522.29 2.47 6.48 150.91
3x3 368.24 3.64 9.54 106.80
2.5 x 2.5 239.58 5.60 18.38 70.43
2 x 2 172.53 8.24 17.69 46.18
1.5 x 1.5 85.32 18.04 62.70 20.96
1x1 37.25 49.90 85.82 6.85

in thickness, rendering it difficult to accurately measure its impedance due to the
small size. Therefore, the impedance of the 2 mm x 2 mm PZT piece with the
same thickness was used to derive the impedance of this micron-scale transducer by
scaling the magnitude of the impedance at the same measured phase. As shown in
Figure 3.8, this scaled impedance has a minimum of 1.13 k2 at resonance (8.1 MHz).
This resonance was confirmed by exciting the same PZT piece with a 5-V-peak-to-
peak sinusoidal signal between 6 MHz to 10 MHz and measuring the amplitude of
the acoustic pressure generated from the PZT with a hydrophone (HGL-0200, Onda
Corp.) coupled with a preamplifier (AG-2010, Onda Corp.), as plotted in Figure
3.9. The PZT exhibited the strongest piezoelectric response with the highest output
pressure at 8.1 MHz. As a result, we chose our operating frequency to be 8.3 MHz, the

supported frequency of the Vantage 256 system closest to 8.1 MHz. As a result, we
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Figure 3.7: The modeled impedance in comparison with the measured impedance for
a 4-mm-by-4-mm piece of PZT.

chose our operating frequency to be 8.3 MHz, the supported frequency of the Vantage
256 system closest to 8.1 MHz and also the center frequency of the L.L12-3v ultrasound
probe. With a wavelength of ~185 pm, this operating frequency provides a lateral
resolution of ~280 pum and a focal spot size as small as ~350 pm [92], matching the
dimensions of the motes and enabling these motes to be resolved and detected in

imaging and to be targeted for more effective powering and communication.

3.3 Design of a temperature sensor chip

The temperature sensor chip of the proposed sensing mote was implemented in a Tai-
wan Semiconductor Manufacturing Company (TSMC) 0.18-pum CMOS mixed signal
1P6M (a single polysilicon layer underneath six metal layers) process. As illustrated
in Figure 3.10, the chip consists of a front-end rectifier, two voltage regulators with

built-in voltage references, a temperature sensing oscillator, a level shifter, and an
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Figure 3.9: The output pressure amplitude of the 2 mm x 2 mm PZT piece with
excitation voltage across frequency.
n-type MOS (NMOS) transistor acting as a backscatter modulator.

The rectifier is based on a voltage-doubler topology implemented with low-leakage
MOS diodes. It converts the alternating-current (AC) ultrasound energy harvested

from the piezoelectric transducer into the direct-current (DC) supply voltage VDD
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Figure 3.10: Block diagram of the temperature sensing mote.

[95], which is fed into two stages of subthreshold voltage regulators. The output of
the second-stage regulator provides the supply for a temperature-sensing subthresh-
old relaxation oscillator, whose oscillation frequency varies with temperature. The
temperature-dependent oscillator output is level-shifted to VDD to drive the NMOS
modulator shunted across the piezoelectric transducer to induce a two-level change in
the electrical loading of the transducer. The resulting modulated ultrasound echoes
transmit the temperature information back to the ultrasound probe through acoustic
backscattering. Subthreshold operation of the major circuit blocks ensures sub-1-nW
power consumption for the mote. The design specifications and considerations of each

circuit block are detailed below.

3.3.1 Front-end rectifier

The front-end rectifier driven by an AC voltage source is shown in Figure 3.11. The
steady-state circuit operation can be described for each half-period [58]. During the
negative phase, D, is forward-biased and the current [; through D; charges C] to a
DC voltage ideally equal to the AC input voltage amplitude; Ds is reverse-biased and

prevents charge on C5 from flowing back into C;. During the positive phase, D, is
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forward-biased and the current I, through D, discharges C'; and charges Cs to create
an output voltage ideally equal to twice the input voltage amplitude; D, is reversed

biased and prevents charge on '} from flowing back to ground.

VDD

Figure 3.11: Schematic of a voltage-doubler rectifier.

The rectifier output is usually lower than twice the input voltage amplitude due
to a finite turn-on voltage and a finite on-state resistance of the diodes. For con-
ventional MOS-based diodes, the turn-on voltage is the threshold voltage Vj; of the
MOS transistors; this voltage drop is usually minimized through the use of low-V;,
devices. However, low-V}, transistors, especially native transistors with a near-zero
Vin, typically come with large leakage currents when they are reverse biased. In this
design, we optimized the forward-to-reverse current ratio for the diodes that main-
tains proper circuit function for 0.5%-duty-cycle ultrasound pulses. To achieve this,
we used the ultra-low-power (ULP) diode [96], depicted in Figure 3.12, to implement
D¢ and D, in the rectifier. The ULP diode consists of an NMOS transistor and a p-
type MOS (PMOS) transistor. When forward biased, the ULP diode behaves like two
conventional MOS diodes connected in series. When reverse biased, however, both
transistors in the ULP diode operate in the deep subthreshold region with negative
gate-to-source voltages (Vs) as their sources are connected together. This leads to
significantly lower leakage current compared to that of a standard MOS diode, which

shows a zero Vgg when reversed biased.
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Figure 3.12: Schematic of an ULP diode used to implement D; and D, in Figure
3.11.

Figure 3.13 presents the detailed schematic of the rectifier, in which the electrical
model of the PZT transducer (Figure 3.6) replaces C; and different types of MOS
devices are used to implement D, and D, for efficiency optimization. The AC voltage
source along with the PZT model forms the Thévenin equivalent circuit of PZT with
input excitation [94, 97-99]. The component values for a 250-pm-by-250-ym PZT

derived from the measured electrical impedance shown in Table 3.2 is labeled on the

PZT model.
| .
1] Medium-
2.70 pF
Regular-V,,
DNW 4 ¢,
0.53 1.13 0.72 Native
mH kQ pF T
= Medium-V,,

Figure 3.13: Detailed schematic of the rectifier with C replaced with the electrical
model of PZT and D; and D, replaced with ULP diodes.

C5 is a 250-pF on-chip capacitor, which stores the energy accumulated from the
input source and stabilizes the rectifier output. This capacitor takes up the majority
of the chip area and serves as the sole storage capacitor in the mote. D; employs an

NMOS native transistor to maximize the forward conduction and minimize the turn-
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on voltage, while D5 is implemented with an NMOS regular-V};, transistor with deep-
N-well (DNW) to minimize the reverse leakage of charge from Cy. PMOS medium-Vy,
transistors are used in both Dy and D, to optimize the forward-conduction-to-reverse-
leakage ratio.

The body connections of the PMOS transistor in D; and both the NMOS and
PMOS transistors in Dy reduce the parasitic junction leakage currents, cancel the
source-body biasing in reverse bias, and also avoid latch-up during start-up [58]. The
native NMOS transistor in D; used to achieve a higher forward conduction has a
slightly higher junction leakage, as native devices have no DNW for separate body
connections. To further reduce the chances of latch-up, we performed careful layout
by physically separating the NMOS and PMOS transistors and placing guard rings
around each of the transistors. In addition, at a sub-1-nW operating power level,
transiently, input voltages are less than 2 V and input currents are less than 5 uA,
minimizing the risk of latch-up.

The rectifier is designed around the operating frequency of ultrasound with a

simulated power conversion efficiency of 71.3%.

3.3.2 Voltage regulator

Two cascaded stages of voltage regulators with the same architecture are used to
regulate the rectifier output and generate a stable supply voltage (peak-to-peak ripple
of <0.05 V) for the temperature sensing oscillator. Employing two back-to-back
regulators improves the power supply rejection ratio (PSRR), defined as the capability
of a regulator to reject noise from the input supply voltage and the line sensitivity,
defined as the variation of the oscillation frequency of the oscillator to the input
voltage of the first-stage regulator. Each regulator contains a subthreshold voltage
reference, which is regulated with a NMOS voltage follower in negative feedback.

The basic structure of the voltage reference consists of two stacked NMOS transistors
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[73], as shown in Figure 3.14. M serves as a subthreshold current source and feeds a
current into the diode-connected transistor M, to create an output voltage V,.s. The
drain current Ip, flowing through a transistor operating in the subthreshold region

can be expressed as

Ves—Vin —Vbs

Ip = uoCosz/(n —D)VE(e »m (1 —e "1 ), (3.1)

where g is the zero bias mobility, C,z is the gate oxide capacitance, W is the tran-
sistor width, L is the transistor length, n is the substrate factor, Vp = kT'/q is the
thermal voltage (~26 mV at 300 K), and Vpg is the drain-to-source voltage [100].

For Vpg greater than 5-6 Vi, Ip can be approximated as

Ves—Vin

w
Ip = ,uoCoxf(n — DVE(e ). (3.2)

By assuming the same V};, for M; and M, and equating the current expressions for

M; and M, we obtain

(P = (e ™), 33)

and V.. is found to be

) (3.4)

Figure 3.14: Schematic of an all-NMOS subthreshold voltage reference.
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which is proportional to the process-independent thermal voltage. Since V7 is propor-
tional to absolute temperature (PTAT), V,.s is also PTAT. The two transistors are
both DNW devices with their bulks tied to their corresponding sources to eliminate
the body effect. Transistor lengths are made large (>10 pum) to reduce short channel

effects.

Mz[n]

Figure 3.15: Schematic of the reference in Figure 3.14 with stacked NMOS diodes.

M, can be replaced with stacked and identical NMOS diodes to generate a different
output voltage [101] (Figure 3.15). Different numbers of stacked NMOS diodes are
used for the first-stage and second-stage regulators, creating ~0.64 V and ~0.48 V
outputs with a 1.5-V input while consuming ~34.4 pA and ~18.9 pA of currents,
respectively, in simulation at 37 °C.

For each regulator, the reference voltage V., from Figure 3.15 is then fed into
an NMOS source follower Mz with the output fed back to the NMOS diode M;[0],
providing negative feedback to create a regulated voltage approximately equal to

Vier [102], as illustrated in Figure 3.16. All-NMOS design for these voltage regulators

36



M;
| E—
M_[0] -
O
= ™
: = Co
I Mz[n] — —

Figure 3.16: Schematic of the the complete voltage regulator.

reduces process variations. A decoupling capacitor Cp (1.45 pF for the first stage
and 1.58 pF for the second stage) is added at the regulator output to improve the
line sensitivity and PSRR.

The output from the second-stage regulator, V,.,, provides the local supply for
a temperature-sensing RC relaxation oscillator with an oscillation frequency that
tracks the temperature. Without dedicated compensation, the PTAT characteristic
of V¢4 is incorporated into the overall temperature characteristics of the sensing
mote. When driving the oscillator, the first-stage and second-stage regulators show
simulated efficiencies of 37.8% and 69.9%, respectively, where the lower efficiency of
the first-stage regulator results from it having a larger drop-out voltage from the

input of 1.5 V to the output of ~0.64 V.
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3.3.3 Temperature-sensitive oscillator

A relaxation oscillator is an astable multivibrator circuit that switches between two
quasi-stable states (high and low), producing a period signal whose frequency is
determined by the charging and discharging of a timing capacitor [103]. The basic

architecture of the relaxation oscillator is shown in Figure 3.17, which contains two

L ] L ]
Five-stage Three-stage

RS c=

Vs

Figure 3.17: Schematic of a relaxation oscillator.

inverter chains, a capacitor C' connected from V5 to V3, and a resistor R connected
from V; to V3. The use of inverter chains here (of five and three stages) provides high
gain and ensures a square-wave voltage at the output [102]. The voltage waveforms at
node Vi, V5, and V3 are illustrated in Figure 3.18. If we define the inverter switching
point as Kgw = Vew /Vieq, Where Vg is the switching voltage when the input equals
the output, the circuit operation can be described as follows. Assuming node V] is
initially at ground, node V5 is high at V¢4, and node V3 is at a voltage higher than
Vesw = KswV;eq. The capacitor starts to discharge with a time constant of RC until
node V3 reaches Vsy,. The inverter chains change states such that node Vj is high
and node V3 is low. Node V3 is then immediately pulled down to (Kgw - 1)V,4 as the
voltage across the capacitor cannot change instantaneously. The capacitor C' then
starts to charge up until it reaches Vgy, switching the inverter chains again. This
time, V3 is pulled up to (Kgw + 1)V, before discharging starts, and the operation

repeats. V5 is used as the oscillator output after a buffer stage. The oscillation period
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Figure 3.18: The voltage waveforms at nodes Vj, V5, and V3 in Figure 3.17.

is the sum of the time it takes for the capacitor to discharge (¢;) and to charge (t5)
and the total delay through the inverters, denoted as 7;,,, during one cycle. ¢; and
ty are determined by:

(Ksw + DVige 7 = Ko Ve, (3.5)

and

‘/;'eg + ((KSW - 1)‘/7”69 - Weg)ei% - KSW‘/;-eg- (36)

Therefore, the oscillation frequency f can be expressed as

1 1
= ~ , 3.7
f (tl + t2) + Tinv QSWRC + Tinv ( )
where
K H2-K
Qsw = In Esw + 1)( sw) (3.8)

Ksw(1 — Ksw)
Ky is designed to be 0.5, where the duty cycle of the oscillation is 50% and f achieves

the highest immunity to Kgy variation. A 10% variation of Kgy from 0.5 decreases

the oscillation frequency by only 0.4%. In addition, we target f in the Hz-range such

that 7, << QswRC and f =~ qul/ 7o~ 2.21RC. Such low frequencies save power and
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are sufficient for quantifying slowly-varying physiological temperature. V,., allows
the inverters to run in the subthreshold region with a simulated current of <300 pA
at oscillator frequencies of a few Hz at 37 °C.

To achieve these oscillation frequencies, the resistor R must be in the G2 range,
realized with the pseudo-resistor structure (Figure 3.19), in which two identical, well-

matched NMOS transistors are connected in series. Looking from both terminals,

Figure 3.19: The pseudo-resistor used to implement the resistor R in Figure 3.17.

the pseudo-resistor can be viewed as an off-state NMOS with a zero Vg in series
with a forward-biased NMOS diode, and the equivalent resistance in both directions
is determined by the voltage difference across the pseudo-resistor, |V} — V3|, and the
subthreshold leakage current Ip in Equation 3.1 through each of the two NMOS tran-
sistors. Since |V} — V3| is between 0.5V,., and 1.5V,., (when Kgy = 0.5), which is
larger than 5-6 Vi, Ip becomes largely independent of |V} — V3| and can be approx-
imated as in Equation 3.2. In that case, the capacitor C' is charged and discharged
with a constant current flowing through the pseudo-resistor, resulting in a linear
voltage ramp of Kgw)V,ey — (Ksw — 1)V,ey = V,ey during the charging cycle and
(Ksw + 1)V, — Ksw Vyey = Viey during the discharging cycle at node Vi. Therefore,

f can be calculated as

B 1 B 1 B Ip
= T CuffVire CeffVreg
tl + t2 fIfD 4 + f{D g 2Cteff‘/reg

f

1100 (n — 1) VR (e )
2CesfVreg ’

(3.9)

where Cgyr is the effective capacitance of the capacitor C, implemented with an

NMOS capacitor, and [ is no longer affected by Kgy, resulting in a stable 50% duty
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cycle across process corners. By taking into account the temperature dependences of
o, Vr, and Vi, and letting Vg = VionsVr, where Vi, is a temperature independent

constant, the relation between f and the temperature, 7', can be expressed as [104]

po(10) (7)™ Coa ' (n — (1) (e )

T p—
f( ) 2Ceff‘/cons%

—a(Vip (To) —K(T—=Tp))
nkT

= AT 03 (eT), (3.10)

where T' is absolute temperate, Ty = 300K, and the temperature-dependent mo-
bility and threshold voltage are given by uo(T) = uo(To)(T/Ty)~"® and Vi, (T) =
Vin(To) — K (T — Tp) [105], respectively. Here, the secondary effects, such as the vari-
ation of V., due to supply noise, the temperature dependence of the capacitor C,
and the matching errors in the pseudo-resistor R, are not included. We define the

temperature-independent coefficients A and B as:

10(To) ()9 Cos W (n — 1)(E)(e7F)
2Oeff‘/cons 7

A= (3.11)

and
—q(Vin(To) + KTp)

B =
nk ’

(3.12)

respectively. A two-point calibration (f measured at temperatures 7 and T5) can be
used to determine fitting values for A and B, denoted as A and B. B is determined

from:

“1)-05, Bl -m), (3.13)

With this value of B, the overall scaling factor A is then determined from:
F(T1) = AT 05T (3.14)

Such two-point calibration, performed for each oscillator, accounts for the chip-to-chip

variation in Ip, Cesy, and V,.,. We define the temperature T%;; as the one determined

by A, B and the measured frequency f:

B
f

Tyir = (3.15)

ln(w>7
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which must be solved self-consistently for T%;;. The difference between T';; and each
measured temperature 7T is taken as the temperature error for this oscillator.

As an alternative to this calibration, the trimming of the oscillator frequency
could also be achieved using a capacitor array with on-chip programmable fuses to
implement the capacitor in the oscillator. A fuse is a metal trace that connects two
nodes in the circuit, which can be disconnected through a metal etching process or
laser cut. In the mass-production case, probes can be used to apply supply voltages
to an oscillator-under-test and measure the output frequency using on-chip testing
pads. A portion of the fuses can be selectively cut to obtain the desired capacitance
for the oscillator to achieve the nominal frequency. This can be applied to mitigate
part-to-part variation on the wafer level, which is not implemented in the current

chip but has been demonstrated previously in our lab [77].

3.3.4 Level shifter

The oscillator output, Vg, is level-shifted from V,., to the rectifier output, VDD,
which is the highest available DC voltage in the circuit, using a level shifter to pro-
vide a large enough turn-on voltage for the NMOS modulator. In a conventional level
shifter that converts a lower level of VDDL to a higher level of VDDH [1] (Figure

3.20), when the input is VDDL, M, is turned off and Mj3 is turned on, pulling node

VDDH

Figure 3.20: Schematic of a conventional level shifter.
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X to ground, which turns on Ms. This pulls up node Y and the output to VDDH,
which ensures that M is off. Similarly, when the input is low, the output is driven
low. However, this architecture suffers from contention between the PMOS transis-
tors and NMOS transistors and also crowbar currents when the PMOS and NMOS
devices are simultaneously on during signal transitions, which increases dissipated
power. We, therefore, implemented a contention mitigated level shifter [106] with
two additional transistors, M5 and Msg, as illustrated in Figure 3.21. M;5/M;y along
with M3/ M, acts as a quasi-inverter to speed to full-rail logic levels at node X and
Y. This reduces contention and crowbar currents and saves power with a simulated

current consumption of 179.2 pA at 37 °C.

VDD

Figure 3.21: Schematic of a contention mitigated level shifter used in this design.

3.3.5 Modulator

The up-shifted oscillation signal from the level-shifter, periodically turns the NMOS
modulator on and off (Figure 3.10). This switching places a low electrical impedance
(when the modulator is on) or a high impedance (when the modulator is off) in parallel

with the piezoelectric transducer. This varying electrical impedance at the transducer
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causes the amplitude of the backscattered ultrasound echoes to vary accordingly [107].
In this way, the oscillation frequency and thus the encoded temperature information
can be extracted with the ultrasound system that receives and processes the reflected

echoes.

3.3.6 Power breakdown

The simulated power breakdown of each circuit block is shown in Figure 3.22. The
total power consumption of the two regulators, the oscillator, and the level shifter, was
found to be ~708.5 pA at 37 °C with a 1.5-V DC voltage driving the regulator input.
The average power consumption of the modulator, or the average power absorbed
into the mote, was simulated to be ~26 nW (~47 nW when the modulator was on

and ~2 nW when the modulator was off).

Second-stage

0
First-stage Regulator (0.2%)

Regulator
(1.2%)

Level
Shifter

(1%)

Modulator (97.1%)

Figure 3.22: The simulated power breakdown of the major circuit blocks.
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3.3.7 Die micrograph

The die micrograph of the chip is shown in Figure 3.23. It measures 4 mm x 3.2
mm and contains two standalone oscillators and three groups of temperature sensor
chips with different sizes. One group, located on the upper part of the die, contains
three identical chips with dimensions of 1.1 mm x 1 mm, the second group, located
at the center of the die, contains ten identical chips with dimensions of 350 um x 250
pm, and the third group, located on the lower part of the die, contains ten identical

chips with dimensions of 600 pm x 500 pum. All these different sizes of chips contain
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Figure 3.23: The die micrograph showing the three groups of temperature sensing
chips with varying sizes.

essentially the same circuitry with similar layout, except slightly different sizing in the

transistors and the storage capacitors of the rectifiers. As an example, the locations
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of the major circuit blocks in a 350-pum-by-250-pum chip is labeled in Figure 3.24,
where the first-stage regulator takes an area of 87 um x 64 pm, the second-stage
regulator maintains a size of 110 yum x 39 pum, and the oscillator occupies 82 pum x
30 pm.

I intentionally designed these three groups of chips with varying sizes to investigate
the feasibility of monolithically integrating different sizes of piezoelectric transducers
with the CMOS chips, which will be discussed in Chapter 4. Within each group, two
chips have testing pads connected to some critical nodes inside the chips for both
electrical characterization and testing with ultrasound input; the remaining chips

contain no testing pads enabling only wireless ultrasonic operation.

1st Regulator

Rectifiér

~ 2ndRegulator
Oscillator :

Figure 3.24: The micrograph of one 350-um-by-250-um chip showing the locations of
the major circuit blocks.

46



3.4 Measurement results by direct probing

The line sensitivity, power consumption, and jitter performance of the relaxation
oscillator with and without the voltage regulation were performed through direct
probing on a probe station. Full-chip characterization will be detailed in Chapter 5.

First, six standalone relaxation oscillators were tested at room temperature (~22
°C) by directly probing the testing pads with DC probes (DCP 100, FormFactor Inc.)
to power up each oscillator and take measurements, as shown in Figure 3.25. The dies
containing these oscillators were covered in a metal box during the testing to prevent
the effects of light on circuit operation arising from some high-impedance nodes in the
circuit. The supply voltage to the oscillator was provided by a semiconductor device
parameter analyzer (B1500A, Keysight). The output frequency was measured with
a universal frequency counter (53132A, Keysight) and the power consumption was
acquired with the parameter analyzer, as shown in Figure 3.26a and Figure 3.26b,
respectively. When the supply voltage varies from 0.25 V to 0.65 V, the oscillators
have an average line sensitivity of 145.3 %/V (the standard deviation o over the mean

w is 0.0087) as the average frequency changes from ~4.13 Hz to ~1.73 Hz. Also, the

Figure 3.25: (a) The testing setup on the probe station to test the oscillators; (b) a
micrograph showing three DC probes landing on the testing pads of an oscillator for
powering up the oscillator and taking measurements.
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Figure 3.26: (a) The line sensitivity of six oscillators; (b) the power consumption of
the six oscillators.

power consumption varies from ~14.1 pW to ~175 pW as the biasing condition of
the inverters in the oscillator changes from weak inversion to strong inversion with
increasing supply voltage.

Next, the output frequency and power consumption of three oscillators with on-
chip voltage regulation was measured in a similar way using the DC probes at room
temperature. With the on-chip voltage regulation, however, the average line sen-

sitivity reduces to 0.61 %/V (o / p = 0.17), as plotted in Figure 3.27a. In this
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Figure 3.27: (a) The line sensitivity of three oscillators with voltage regulation; (b)
the power consumption of two of the three regulated oscillators.
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measurement, a DC voltage from 0.8 V to 1.8 V was directly applied to the input of
the first-stage regulator, where the power consumption varies from 72.8 pW to 261
pW (Figure 3.27b).

In addition, the total power consumption of the two regulators, the oscillator, and
the level shifter, was measured to be ~541.9 pA at 37 °C with a 1.5-V supply (~0.813
nW) applied at the regulator input.

Finally, the period jitter for the oscillator was measured at room temperature
by taking 100 consecutive periods with the counter and computing the standard
deviation over the mean of the measurements. The oscillator alone shows an average
jitter of 287.9 parts-per-million (ppm, o / = 0.082) with a 0.4-V supply, while the

regulated oscillator shows an average jitter of 401.1 ppm (¢ / p = 0.18) with a 1.5-V

supply.

49



Chapter 4

Microfabrication of the

Temperature Sensing Motes

4.1 Introduction

This chapter presents the development of microfabrication techniques achieving the
monolithic integration of the CMOS temperature sensor chips with both PVDF and
PZT transducers at the micron scale to create the extremely-miniaturized sensing
motes. Conventionally, piezoelectric transducers are discretely packaged with the
associated interfacing electronics for ultrasonic wireless systems [52, 59, 74, 75| and
piezoelectric devices [108, 109], which suffer from large form factors. Here, we instead
chose to directly build piezoelectric transducers on top of the sensor chips. This

approach, compared to packaged solutions, significantly reduces the mote volumes
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and the parasitic capacitance associated with the CMOS-transducer interfaces, which
can divide-down signal levels due to the low intrinsic capacitance of the micron-scale
transducers [68, 110].

For achieving this monolithic integration, the rectifier input and the ground nodes
of the chips were routed to the top metal layer as accessible pads, as illustrated in
Figure 4.1a, Figure 4.1b, and Figure 4.1c for the three groups of chips with sizes
of 1.1 mm X 1 mm, 600 gm x 500 pm, and 350 pm x 250 pm, respectively. The
input pad and the ground pad will be electrically connected to the top and bottom
surfaces, respectively, of a PVDF transducer or a PZT transducer, which are the two
terminals for this transducer to generate an output voltage when ultrasound pressure
is applied. The sizes of the ground pads as well as the sizes of the input pads for the
three sizes of chips are denoted in the caption of Figure 4.1. The size of the ground
pad determines the size of the PZT transducer to be integrated with a chip, whereas
the size of the input pad should be minimized to reduce the parasitic capacitance of

that pad to the bulk silicon of the chip, which impairs the rectifier efficiency.

(@) (b)

Input Pad

Ground Pad

Ground Pad

Ground Pad

Figure 4.1: (a) The micrograph of one 1.1-mm-by-1-mm chip with the input pad (150
pm x 65 pm) and the ground pad (1 mm X 1 mm) labeled; (b) the micrograph of one
600-pm-by-500-pm chip with the input pad (100 gm x 65 pm) and the ground pad
(500 pm x 500 pm) labeled; (c¢) the micrograph of one 350-pm-by-250-pm chip with
the input pad (65 pm x 65 pm) and the ground pad (250 pm x 250 pm) labeled.
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The fabrication approaches for both the PVDF transducers and the PZT trans-
ducers start with bulk materials, followed by a subtractive fabrication process to
obtain the desired piezoelectric micro-structures. The fabrication procedures are ap-
plied at the die level using PVDF or PZT bulk films with sizes similar to the die
area. In such a way, the three sizes of chips can be simultaneously integrated with
PVDF or PZT micro-structures of the corresponding sizes. Furthermore, the same
procedures can be applied at the wafer level by scaling up the sizes of the piezoelectric
bulk materials to match wafer sizes.

Similar piezoelectric structures that can be integrated on-chip include the ca-
pacitive micromachined ultrasonic transducer (CMUT) [111, 112] and piezoelectric
micromachined ultrasonic transducer (PMUT) [113, 114]. However, a CMUT device
requires a large DC bias near the so-called collapse voltage [112], which increases
the risk of failure of the device [113] and is difficult to produce from my low-voltage
sensor chip. On the other hand, a PMUT device typically shows much weaker elec-
tromechanical coupling than that of bulk materials [114], which is used here.

To begin the fabrication processes to integrate both the PVDF and PZT transduc-
ers, the CMOS chips are planarized by etching away the foundry-deposited passiva-
tion layers (polyimide, silicon nitride, and silicon dioxide) to facilitate the subsequent
steps, as shown in Figure 4.2. This process is performed with reactive-ion etching
(RIE) using a mixture of Oy and SFg plasma [115]. PVDF and PZT integration
then follow different fabrication flows (also presented in [72, 110]) specific to their
particular properties, which will be addressed in detail in Section 4.2 and Section 4.3,

respectively.
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Figure 4.2: The comparison of chip surface before and after removing polyimide.

4.2 Integration of PVDF transducers with the

sensor chips

4.2.1 Microfabrication procedures

PVDF cannot tolerate temperatures greater than 80 °C due to a low Curie tempera-
ture. High temperatures can alter the crystal phase of PVDF, resulting in damage to
the piezoelectric properties [116]. To examine the effects of temperature treatment
on PVDF, three piece of PVDF were baked at 80 °C, 90 °C, and 100 °C, respectively,
with different exposure times from 0 to 5 minutes and measured the ds3 after each
treatment. As shown in Figure 4.3, the ds3 of PVDF was well-preserved at 80 °C
but decreased by ~10% and ~20% at 90 °C and 100 °C, respectively, after 5 minutes
of treatment. As a result, the entire fabrication flow is performed below 70 °C to
maintain the piezoelectric properties of PVDF throughout the fabrication [117].
The same poled 33-pm PVDF film as those analyzed in Chapter 3 is used, deliver-
ing a mechanical resonance frequency of ~34 MHz but usable over a wide frequency
range due to its inherently low quality factor. First, the film is to be bonded to the
top surface of a CMOS die. However, PVDF has a low surface energy that makes it

difficult to adhere to any substrate. Therefore, the film is loaded in a plasma asher
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Figure 4.3: Effects of temperature on the ds3 of PVDEF.

and has its surface treated with Oy plasma for 5 minutes to enhance the interfacial
adhesion [118] prior to the adhesion step. The plasma treatment roughs and also
chemically activates the top surface of PVDF and greatly improves the adhesion be-
tween PVDF and metal pad to be bonded. The surface roughness before and after the
plasma treatment was measured with an atomic force microscope (AFM), as shown
in Figure 4.4.

To characterize the promotion of adhesion due to plasma treatment, a tensile
test was performed with an electromechanical testing machine (4206, Instron). Both
pristine and plasma-treated PVDF pieces were bonded to copper substrates with
super glue. The forces required to peel off the PVDF pieces from the corresponding
substrates were measured, which indicates the strength of adhesion (Figure 4.5a).
The results of the pre-treated piece is shown in Figure 4.5b with a maximum peeling
force of around 8 N, much higher than that for pristine PVDF, which was around 0.3
N. Therefore, plasma treatment is necessary to achieve good adhesion for bonding

PVDF.
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Figure 4.4: Surface roughness of PVDF before and after RIE treatment.
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Figure 4.5: The tensile test results of a plasma-treated PVDF piece.

The fabrication flow is summarized in Figure 4.6. After plasma treatment, a 1.6-
pm-thick SU-8 2002 adhesive layer is then spun onto the die, bonded to a carrier
substrate (Figure 4.6a). While this introduces a series capacitance of ~1.1 pF for a
250-pm-by-250-pm area (negligible compared to a Cy of ~100 fF for the PVDF of the
same size), the more preferable anisotropic conductive adhesives cannot be applied
because they typically require curing temperatures above 100 °C. The substrate is
then flipped over and gently placed on the pre-treated PVDF film, baked at 70 °C
for 30 minutes, and flipped back to be UV cured (Figure 4.6b).
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Figure 4.6: Fabrication flow for integrating PVDF with the CMOS chips. (a) Removal
of polyimide and bonding of the CMOS die to a carrier with PMMA and silicone and
(b) adhesion of pre-treated PVDF piece and the die with SU-8 and (c) patterning
of PVDF areas on top of the chip signal pads and (d) RIE etching to create PVDF
micro-structures and (e) patterning of chip areas and (f) metal deposition and lift-off
for ground connection.

The now-exposed PVDF top surface is also treated with Oy plasma and a ~10-
pum layer of AZ-4620 photoresist (PR) is spun, followed by a baking step at 70 °C
for 80 minutes. The same spinning-and-baking process is repeated two more times
to create a ~30-pum-thick PR layer. Standard UV photolithography is applied to

create PR patterns, used as etch masks, above the ground pads (Figure 4.6¢). RIE



etching of the PVDF [119] and the underlying SU-8 layer is used to define the PVDF
micro-structures (Figure 4.6d) with the bottom terminals connected to the ground
pads.

Photolithography with a ~6-um layer of AZ-4620 is performed to cover the entire
die except the active chip area (Figure 4.6e). DC sputtering is used to deposit a
9-nm layer of Cr and a 1.2-um layer of Cu onto the die. Sputtering is used to provide
sufficient sidewall coverage. Finally, the Cu over the PR layer is removed with a lift-
off process, leaving Cu connection between the top terminals of the PVDEF structures
and the input pads (Figure 4.6f).

The micrographs of the three sizes of fabricated PVDF micro-structures after
Step (d) in Figure 4.6 is displayed in Figure 4.7. In addition, the micrographs of
the fully-integrated chips of varying sizes are presented in Figure 4.8, showing the
micro-fabricated PVDF transducers mechanically and electrically connected to the
sensor chips. These transducers maintain their ds3 values of ~19 pC/N, as measured
with a d33 meter (PM300, Piezotest).

As a final step, the fully fabricated dies are diced to separate the fully-integrated

chips. The chip-separation process is performed by loading one die at a time to

(a) (b) (c)

Figure 4.7: (a) A PVDF micro-structure integrated with the ground pad of a 1.1-
mm-by-1-mm chip;(b) a PVDF micro-structure integrated with the ground pad of a
600-m-by-500-pm chip; (¢) a PVDF micro-structure integrated with the ground pad
of a 350-um-by-250-pum chip.
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Figure 4.8: (a) A fully-fabricated PVDF micro-structure integrated with a 1.1-mm-
by-1-mm chip;(b) a fully-fabricated PVDF micro-structure integrated with a 600-
pum-by-500-pm chip; (c) a fully-fabricated PVDF micro-structure integrated with a
350-pm-by-250-pum chip.

the dicing saw. The die is first carefully adhered to a piece of ultraviolet (UV)
releasable tape and covered with another piece of UV tape (the nonadhesive side
makes contact with the die to not stick to the fabricated chips) to create a sandwich
structure that protects the die in the middle from flying away during the dicing.
Subsequently, the die is diced horizontally to separate the chips according to their
sizes. In the end, each diced slice that contains chips with the same size, is further
diced to separate the individual chips into individual sensing motes. Figure 4.9 shows
the three sizes of standalone sensing motes placed on a finger tip to demonstrate their

relative dimensions.

4.2.2 Characterization results

The micro-fabricated PVDEF structures were characterized with Raman spectroscopy
and compared against pristine PVDF film to examine the effects of microfabrication
on the piezoelectric properties of PVDF. The pristine PVDF film was adhered to
an identical CMOS IC die using SU-8 to maintain the same substrate as the micro-

fabricated PVDF structures for comparison. Ramen spectroscopy was performed
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Figure 4.9: (a) A 1.1-mm-by-1-mm standalone sensing mote; (b) a 600-pm-by-500-um
standalone sensing mote; (¢) a 350-um-by-250-um standalone sensing mote.

using a Raman spectroscope (InVia, Renishaw) with 532-nm laser with an exposure
of 30 s. The background spectrum due to the IC substrate was subtracted from the
absorbance measurements to obtain the spectrum of interest corresponding to PVDF.
The micro-fabricated PVDF shows almost the same Raman spectrum as the pristine
PVDF with the intensity peak in PVDF absorbance at 1430 cm™! [120] and particu-
larly the characteristic peaks of the S-phase at 511 cm™!, 840 cm ™!, and 1279 cm™!
(Figure 4.10) [120-123], demonstrating the preservation of piezoelectric properties
during the fabrication processes. It did not show obvious peaks corresponding to the
a-phase (408, 531, 612, 765, 796, 855, and 976 cm™') [122, 123], which would appear
if the piezoelectricity was damaged during the fabrication.

Additionally, AFM was used to measure the surface morphology of the fabri-
cated piezoelectric transducers under voltage excitation [63]. Figure 4.11a shows the
roughness of the PVDF top surface to be close to 100 nm in the absence of voltage
excitation. 10-V square wave excitation at 1 Hz and 10 Hz, however, resulted in
observable mechanical oscillations in the AFM that scanned at 1 Hz (Figure 4.11b
and Figure 4.11c).

Due to the inherently poor dielectric properties (resulting in high input impedance
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Figure 4.10: Raman spectrum of one micro-fabricated PVDF structure in comparison
with a pristine PVDF piece.
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Figure 4.11: AFM measurements on a fabricated PVDF structure (a) without voltage
excitation and (b) with 1-Hz and 10-Hz 10-V peak-to-peak square wave excitations;
(c) a height plot along a vertical line on (b).

and dielectric loss and low power-harvesting efficiency) and weak piezoelectric activity
of PVDF (a low electromechanical coupling coefficient of ~0.2 [81] and an extremely
low ds3 value of ~19 pC/N in comparison to that of ~650 pC/N for PZT), no sat-

isfactory results were obtained when I attempted to power up these micron-scale
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motes with integrated PVDF transducers using an ultrasound source. As a result, I
switched gears to develop and implement the microfabrication techniques to integrate

PZT with the same CMOS chips, as presented below.

4.3 Integration of PZT transducers with the

sensor chips

4.3.1 Microfabrication procedures

PZT, in comparison to PVDF, has a Curie temperature of 225 °C and can tolerate
temperatures as high as 150 °C, which reliefs the temperature requirement during
the fabrication process. However, the processing temperature is still kept below 100
°C to keep a proper margin [124].

Similar to the PVDF-integration process, PZT transducers are directly fabricated
on the chips with the top and bottom terminals of these transducer electrically con-
nected to the input and ground pads, respectively. The fabrication procedures, which
were co-developed with Dr. Tiago Costa, are demonstrated in Figure 4.12, where the
PZT micro-structures are patterned using a mechanical dicing process [125, 126],
which provides a much faster etch rate than RIE for the PZT thickness used in this
work.

The fabrication flow, using the fabrication for a 350-um-by-250-um chip as an
example, begins with a 7.24 cm X 7.24 cm x 267 pm sheet of bulk PZT material,
same as the one analyzed in Chapter 3. First, the nickel plating that comes with
the PZT material is stripped using ferric chloride for 5 s, exposing the PZT surface.
Photolithographic patterning with AZ-1512 PR is used to define arrays of 300 um
x 300 pm openings on the top side of the PZT sheet, followed by electron-beam
evaporation of a 10-nm chromium (Cr) layer and a 50-nm gold (Au) layer (Figure

4.12a). Lift-off in acetone is subsequently performed to create contacts that match
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Figure 4.12: The fabrication procedures for monolithically integrating the CMOS
chips with PZT transducers, including (a) photolithographic patterning and Cr/Au
deposition, and (b) lift-off of PR to create contacts on both sides of the PZT that
match with the ground pads on CMOS chips, and (c) adhesion of the ACF with
the bottom side of the PZT and dicing of the PZT from the bottom side, and (d)
bonding of the PZT to the CMOS chips with precise alignment, and (e) dicing of the
PZT from the top side to create free-standing PZT transducers, and (f) deposition of
copper to connect the top sides of the PZT transducers with the corresponding input
pads.

the ground pads of the CMOS chips (Figure 4.12b). The same process is applied to
the bottom side of the PZT sheet to create vertically aligned contacts on both sides.

The sheet is then diced into 4 mm x 3.2 mm pieces using the dicing saw. A piece
of anisotropic conductive film (ACF, TFA220-8, H&S High Tech) of the same size
is then placed on the bottom side of a diced PZT piece. A sub-micron-resolution
die-bonder (Fineplacer Lambda, Finetech) is used to apply 0.1 N of force to the ACF
at 80 °C for 5 s, adhering the ACF to the PZT piece. The PZT piece is then partially
diced from its bottom side to a thickness of ~60 pm into the PZT (Figure 4.12¢). It

is then precisely aligned and bonded to a CMOS die through the ACF by applying a
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100-N force at 150 °C for 5 s with the die-bonder (Figure 4.12d), such that the metal
contacts on the PZT piece are electrically connected to the corresponding pads on
the CMOS die. The conductive particles in the ACF only allow conduction vertically
through the metal contacts and not laterally in a manner that would short the pads
together.

The remainder of the PZT piece outside of the pad areas for each chip is then diced
away, leaving free-standing PZT transducers built on top of the CMOS die (Figure
4.12¢). To form the top contact, photolithography with AZ-4620 PR is performed to
mask the entire die except for the chip areas, followed by DC sputtering of a 9-nm
layer of Cr and a 1.2-um layer of copper. After a lift-off process that removes the
metal outside of the chip areas, the top side of each PZT transducer is electrically
connected to the corresponding rectifier input pad of each chip (Figure 4.12f).

The micrographs after each of the fabrication steps illustrated in Figure 4.12c-Figure
4.12f are shown in 4.13a-4.13d, respectively. Finally, to provide biocompatibility, the
fully-integrated chips are completely encapsulated with an 8-pm-thick, biocompati-
ble parylene film deposited with a parylene deposition system (Labcoter 2, Specialty
Coating Systems Inc.).

The thickness of the parylene film for encapsulation is crucial for the durability
of the integrated chips. If the parylene film is too thin, it can get worn and damaged
easily in the reactive in vivo environment, exposing the chips and transducers to cause
electrical leakage and performance degradation [127], whereas a thick layer of pary-
lene film offers excellent isolation and protection of the chips from the surrounding
environment and ensures high device resilience and robustness. However, if the film
is too thick, the ultrasound will be significantly dampened and attenuated because
of the strong damping and attenuation effects of the encapsulation film [127]. The
film thickness needs to be carefully chosen for a trade-off between the mechanical
robustness and the ultrasound transmission. Therefore, 8-pum-thick parylene is used

to provide reliable device passivation at a thickness significantly less than the ultra-
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Figure 4.13: The microphotograph of the major fabrication procedures for monolithi-
cally integrating the CMOS chips with PZT transducers: (a) after bottom-side dicing;
(b) after bonding the PZT die with the CMOS die; (c) after the top-side dicing; (d)
after metal deposition for the top-side connection.

sound wavelength at our operating frequency, minimizing acoustic losses. Up until
this step, ten 250-pum-by-250-um PZT transducers are monolithically integrated with
their corresponding chips on a single die.

Furthermore, some of the fully-fabricated dies, prior to receiving the parylene
coating, are diced to separate the fully-integrated chips into individual motes for fully-
wireless testing without any wiring or cables, as shown in Figure 4.14a. The same
dicing procedures to separate the PVDF-integrated chips are used here to separate

these PZT-integrated chips. An exploded-view schematic illustration of the mote
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with the major components labeled is shown in Figure 4.14b. Finally, to complete
the fabrication flow, these standalone motes are also coated with 8-pm-thick parylene
films for encapsulation.

Micrographs taken with a standard optical microscope and a scanning electron
microscope (SEM) of a fully-integrated and released standalone mote sized 380 pm
x 300 pm x 570 pm are shown in Figure 4.14c and Figure 4.14d, respectively. The
SEM image was taken on an FEI Nova NanoSEM 450 Scanning Electron Microscope.
The sample was prepared by mounting the mote to a glass cover slip (25 mm x 25
mm X 0.2 mm) with double-sided Kapton tape. To prevent charging of the surface,
a Cressington 108 Sputter coater was used to deposit a conformal 6-nm layer of gold.
This was then imaged in the SEM at a working distance of 4.9 mm from the surface,
with an acceleration voltage of 5 kV. The spot size was 18 pum, and the image was
taken in secondary electron imaging mode, using the Everhartt-Thornley Detector.
The scanning dwell time was set to 1 us. In addition, a mote placed on a United
States penny and a United States dime with different orientations are displayed in

Figure 4.14e and Figure 4.14f, respectively, to illustrate the relative size scale.

4.3.2 Characterization results

Two oscillators were measured before and after the fabrication procedures, showing
a marginal changes (~0.24%) in frequency at room temperature, demonstrating the
preservation of the circuit functionality and performance throughout the fabrication
process. In addition, d33 measurements for a PZT sample before and after fabrication
showed only a 7% loss [110]. Detailed characterization of these fully-fabricated chips

will be discussed in Chapter 5.
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Figure 4.14: (a) Fully-integrated chips separated through a dicing process; (b) an
exploded-view schematic illustration of the major components of a fully-integrated
and released standalone mote, including the CMOS temperature sensor chip with the
two exposed Al pads, the microscale PZT transducer covered in Cr/Au on both sides,
the ACF, and the Cu layer; (c) a detailed photograph of the mote with dimensions;
(d) an SEM image of the mote; (e) the mote placed on top of a United States penny;
(f) the mote placed on top of a United States dime with a different orientation as in

(e).
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Chapter 5

Experimental Validation of

the Temperature Sensing

Motes

Following the microfabrication procedures to monolithically integrate the transducers
and the sensor chips, the PZT-integrated motes were thoroughly tested in both an
in vitro environment using chicken tissues and an in vivo environment using a mouse
model. Specifically, the temperature sensing performance of three fully-integrated
motes prior to their separations from the dies were tested in vitro with an ultrasound
source by wire-bonding the motes to custom printed circuit boards (PCBs). Three
standalone motes released from the corresponding dies were then characterized with

an ultrasound input fully-wirelessly in an in wvitro setting. Finally, the standalone
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motes were implanted into different locations of mice to evaluate their in vivo sensing

performance.

5.1 In-vitro characterization with the

wire-bonded motes

5.1.1 Board design and wire-bonding

First, three fully-integrated motes unreleased from the die were characterized acous-
tically with an ultrasound input to evaluate their temperature sensing performance.
For this test, a custom PCB was developed to measure the outputs from the major

circuit blocks. The schematic of the PCB is shown in Figure 5.1a, which contains
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Figure 5.1: (a) The schematic of the testing board; (b) a populated testing board.

unity-gain buffers for viewing the output voltage waveforms of the rectifier, the volt-
age regulators, and the oscillator during circuit operation. The populated board is

shown in Figure 5.1b, where the inputs to the circuit and rectifier output and regu-
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lator outputs can be accessed through header pins and the oscillator output can be
viewed from sub-miniature version A (SMA) connectors.

Each die was wire-bonded to a testing board so that the internal nodes of interests
of the chip can be accessed and electrically interfaced from the outside. The die was
attached to the board with a thin layer of polymethyl methacrylate (PMMA) (Figure
5.2a), followed by an in-house wire-bonding process (Figure 5.2b) performed at a
low temperature of 80 °C to not impair the piezoelectric properties of the on-chip
PZT structures. The die wire-bonded to the board is shown in Figure 5.2c with a

micrograph of the wire-bonded mote shown in Figure 5.5a.

LLLULETRETLE
o' =g

Figure 5.2: (a) A testing board with a chip attached for wire-bonding; (b) the wire-
bonding process; (¢) the board with the chip wire-bonded to it.

Prior to the acoustic testing, the PSRR was measured separately for both the first-
stage and second-stage regulators of a wire-bonded mote from 1 kHz to 20 MHz. The
PSRR results were obtained using the “Power Supply Rejection Ratio (PSRR)” func-
tion within the “Power Analysis” module of a mixed-signal oscilloscope (MSOX4054A,
Keysight), as shown in Figure 5.3. An AC input swept from 1 kHz to 20 MHz from
the oscilloscope was superimposed on a clean DC voltage from an external power

supply (GS200, Yokogawa) through a bias tee (5575A, Picosecond Pulse Labs) with
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Figure 5.3: The setup for PSRR measurements.

a -3 dB bandwidth of 10 kHz to 12 GHz. This combined signal was fed into the input
of each regulator to provide a DC bias and also an AC noise component to the reg-
ulator. This input and the resulting output from the regulator were measured with
two channels of the oscilloscope, respectively. The PSRR were computed with the
oscilloscope by dividing the input ripple by the output ripple for each swept frequency
value.

The two regulators yield a combined PSRR of ~83.9 dB at the ultrasound fre-
quency of 8.3 MHz (Figure 5.4), demonstrating that the interference and noise from
the ultrasound source is effectively rejected by the regulators.

Figure 5.5b demonstrates the experimental setup for testing one of the wire-
bonded motes. The PCB with the wire-bonded mote was inserted into an opaque case
to eliminate the effects of light on circuit operation. The case was filled with DI water
for ultrasound transmission and placed on a hot plate with controlled temperature.
A PT-1000 temperature probe in the water bath was used for feedback temperature
control. The water temperature was also monitored with a high-accuracy digital

thermometer (HH376, Omega Engineering) as the reference temperature through-
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Figure 5.5: (a) A fully-fabricated mote wire-bonded to a board; (b) the experimental
setup consisting of the PCB inserted into a 3D-printed case filled with DI water for
testing the performance of the mote.

out the experiments. The L12-3v ultrasound probe, which contains 192 elements
with a pitch of 200 um and an elevation focus of 20 mm [128], was controlled by
a translation stage (Thorlabs, Newton, NJ) to move in three-dimensions (3D) and

positioned 22 mm (limited only by the measurement setup) above the mote for power
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and communication.

5.1.2 Ultrasound interface

Custom programs were developed in MATLAB for the Vantage 256 system (Figure
5.6, adapted from [129]) to interface with the sensing motes. A B-mode imaging script
is first used to precisely locate the mote. A sub-section of 128 elements on the probe
scan as a linear phased array. These are organized into 192 scan lines, segmented
such that each line reconstructs a 133-um-wide region. The transmitted waveform is
one cycle of pulse at 8.3 MHz with an on-time of ~120.5 ns repeated every 160 us,
which is the pulse repetition period. A reconstructed B-mode image can be produced
approximately every 40 ms, resulting in a frame rate of approximately 25 frames/s.
Once the mote is located, the software switches to a different mode, in which
ultrasound is focused directly onto the mote with a 0° incident angle to activate the
mote and process the backscattering data. Again, 128 of the 192 transducer elements
on the probe are used. In this case, the ultrasound waveform consists of pulses with

a pulse repetition period of 100 us. Each pulse is four cycles of an 8.3-MHz signal

Verasonics Vantage
Research Ultrasound System

Figure 5.6: The Verasonics Vantage Research Ultrasound System.
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with an on-time of ~481.9 ns, such that the duty cycle of the ultrasound signal is
approximately 0.48%. As shown in Figure 5.7, the waveform at the location of the
mote was measured using the hydrophone, where the peak pressure amplitude was
found to be ~305 kPa, resulting in a spatial-peak temporal-average intensity (Ispra)
of ~0.149 mW /mm? calculated as the time-averaged intensity at the focal spot. Four
cycles of pulses are found to be optimal with the lowest Ispr4 for delivering sufficient
power to the mote, as demonstrated in Figure 5.8.

This ultrasound waveform successfully powered up the mote by delivering ~9.3
1W of power to the mote, resulting in an acoustic-to-electrical conversion ratio from
the ultrasound source to the mote of ~0.28%, similar to the results presented in [76]
for ultrasonic devices at the 100-um scale. The output voltage waveforms of the
rectifier, the two regulators, and the oscillator measured at 37 °C are shown in Figure
5.9. The rectifier and the two regulators had voltages of ~1.5 V, ~0.65 V, and ~0.45
V, respectively, and the oscillator ran at ~7.6 Hz. The second-stage regulator shows
slightly larger ripple than the first-stage because the second-stage directly drives the
oscillator which introduces current transients during transitions. However, this ripple

(<50 mV in amplitude) is tolerable since it results in a less-than-120-ppm change in
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Figure 5.7: The waveform of the ultrasound used to power the mote, showing a
pressure amplitude of ~305 kPa with a 100 us pulse repetition period.
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Figure 5.9: The output voltage waveforms of the rectifier, the two regulators, and
the oscillator from testing of a wire-bonded mote with an ultrasound input at 37 °C,
showing an oscillation frequency of ~7.6 Hz.

74



5.1.3 Data acquisition and analysis

To obtain the acoustic backscattering data containing the temperature information,
the reflected ultrasound echoes for each transmitted pulse are received by the 128
elements of the probe at two samples per wavelength for a total of 896 samples. Each
sample corresponds to 60.24 ns of round-trip travel time of ultrasound, translating to
a depth resolution of 46.4 ym at a maximum depth of 41.6 mm with 896 samples. The
peak amplitude of the echoes is stored as one frame of backscattering data. 12800
temporally consecutive frames, each separated by the pulse repetition period of 100
us, are acquired to produce 1.28 s of data. This leads to a minimum detectable change
in the oscillation period of 100 s (limited by the Vantage 256 system and comparable
to the jitter of the oscillator) and a sampling rate of 10 kHz, which, together with the
jitter of the oscillator, determines the sensitivity of the temperature measurements.
A Fourier transform is performed on the acquired data picked up by each element at
each depth until the distinct frequency that carries the temperature information is
detected. Two examples of the acoustic data obtained at 27 °C and 50 °C are shown
in the left of Figure 5.10a and Figure 5.10b with an oscillation frequency of 4.4 Hz
and 18.6 Hz, respectively.

To determine the high-to-low and low-to-high transitions of the oscillator, the
difference between adjacent time-points in the data is calculated. Events in this
signal are determined by setting a threshold for magnitudes larger than 2 kPa. The
mean magnitude of these events is taken as the average signal, while the standard
deviation of the remaining difference values is taken as the rms noise. The SNR
is calculated as this average signal divided by this rms noise. As shown in Figure
5.10a and Figure 5.10b, the SNR values are 25.05 dB and 28.04 dB, respectively, for
the two presented sets of acoustic data. In addition, the period of oscillation can be
calculated as the difference between these high-to-low or low-to-high transition events,

and the averaged period value within each 1.28-s acquisition time is converted to a
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Figure 5.10: (a) Backscattering data acquired at 27 °C with an SNR of 25.05 dB; (b)
backscattering data acquired at 50 °C with an SNR of 28.04 dB.

temperature value with the fitting model presented in the Equation 3.15 in Chapter

3. The process repeats in real time to obtain continuous temperature measurements.

5.1.4 Graphical user interface (GUI)

The control of the ultrasound interface and the acquisition and processing of the
backscattering data were performed through custom programs embedded in a graph-
ical user interface (GUI) in MATLAB, as shown in Figure 5.11. The GUI consists
of three panels. Panel 1 in the lower right corner is the interface to set certain pa-
rameters for the ultrasound used to power up and communicate with the motes, such
as the excitation voltage, the focal length, and the time gain compensation. Other
relevant parameters, including the operating frequency, pulse repetition period, and
the number of cycles in each pulse, can be specified in the programs prior to ini-

tializing this GUI. This panel also allows freezing the programs to stop ultrasound
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Figure 5.11: The GUI for controlling the ultrasound interface and acquiring and
analyzing the backscattering data.

delivery and saving the acquired data when needed. Panel 2 in the left shows four
sets of real-time backscattering data with the top-four SNRs among all the acquired
data sets corresponding to each element at each depth. Panel 3 in the upper right
corner displays the period values, which translate to temperature, extracted from
the backscattering data in real time. Such a GUI enables convenient tuning of the

ultrasound parameters and also allows the continuous data acquisition and analysis.

5.1.5 Temperature sensing performance

The temperature curves of the three wire-bonded motes from 25 °C to 50 °C, the bio-
logically relevant temperature range, were acquired acoustically where the frequency
varies with temperature from 3.67 Hz to 16.06 Hz in average (Figure 5.12a). With
a two-point calibration at 30 °C and 44 °C, a fitting curve can be obtained for each
mote. The fit provides an average temperature error of +0.18/-0.29 °C with the
error across temperature for each mote shown in Figure 5.12b. This performance

is comparable to other wireless temperature sensors with much larger form factors
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Figure 5.12: (a) The temperature curves of three wire-bonded motes; (b) the tem-
perature error for the motes with an average of +0.18/-0.29 °C.
[45, 73].

From measurements of these three motes, we find the average oscillator period
jitter to be 447.66 ppm (154.8 us) (o / = 0.076) by taking 100 consecutive period
measurements at 22 °C, which is very close to the jitter performance quantified in
the electrical testing. This shows that wireless powering with ultrasound introduces
a less-than-50-ppm increase in the period jitter of the oscillator. Dividing the jitter
by the measured temperature sensitivity at 22 °C (0.0198 s/°C), the temperature
resolution (1o) is found to be 0.0078 °C rms on average (Figure 5.13), sufficient for
physiological temperature monitoring [56].

Also we can convert the line sensitivity of 0.61 %/V to 0.088 °C/V with the
temperature sensitivity expressed as a percentage (6.9 %/°C), which is low enough
for the proper temperature sensing functionality. Specifically, the required Igpr4 of
the input ultrasound power to generate a rectifier output from 0.8 V to 1.8 V was
measured to be from 0.07 mW/mm? to 0.25 mW/mm?, a wide input range within

which the temperature error due to supply variation is only 0.088 °C.
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Figure 5.13: The temperature resolution of the three wire-bonded motes.

5.1.6 Ultrasound beam profile

The measurements of these wire-bonded motes assumed good alignments between
the motes and the ultrasound source with a 0° incident angle, which can be impaired
when the motes are implanted. The effects of misalignment were investigated by
acquiring the beam profile of the ultrasound applied to a 250 ym x 250 um PZT
transducer, that is, one having the same size and fabricated in the same way as the
on-chip transducers. As illustrated at the top of Figure 5.14, the L12-3v probe was
swept in 3D using the translation stage while the output voltage across the receiving
PZT transducer was measured at each swept location for the ultrasound source and
converted to the received pressure amplitude. The acquired pressure map in a 2 mm
x 2 mm XY-plane parallel to the receiving transducer at a 22-mm distance is shown
at the bottom left of Figure 5.14. Additionally, the ultrasound beam pattern in a 2
mm X 2 mm XZ-plane at 21-mm-to-23-mm distances perpendicular to the PZT is
shown at the bottom right of Figure 5.14.

Both plots illustrate a maximum received pressure when the PZT transducer is

well-aligned with the ultrasound source with a 0° incident angle. Any misalignment
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Figure 5.14: Top: an illustration of measuring the ultrasound beam profile using a
fabricated 250 pm x 250 um PZT transducer; bottom left: the pressure map in the
XY-plane at a 22-mm distance in a 2 mm X 2 mm region; bottom right: the beam
pattern in the XZ-plane in a 2 mm X 2 mm region.

with a non-zero incident angle requires an increased ultrasound power to compensate
for the loss of the received pressure, as shown in 5.15a, where the peak pressure ampli-
tude received by the PZT transducer with respect to the incident angle from -20° to
20° was measured. It is found that the pressure level at +20° or -20° is approximately
a third of that at 0°. Correspondingly, the required ultrasound intensities to activate
the mote and reliably receive the backscattering data at these incident angles were
also quantified, where the intensity at +20° or -20° is around nine times that at 0°
(Figure 5.15b). These measurements suggest a preferable orientation with no angular

mismatch between the motes and the ultrasound source and confirm an inevitable
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Figure 5.15: (a) The peak pressure amplitude received by the PZT transducer with
respect to the incident angle from -20° to 20°; (b) the required ultrasound intensity
to activate the mote with respect to the incident angle.

increase in the required ultrasound energy when the motes are not well-aligned with

the source. Therefore, the motes should be oriented towards and aligned with the

external ultrasound source as much as possible when implanted.

5.2 In-vitro experimentation with the standalone

motes

5.2.1 Testing with chicken tissues

Knowing the beam profile of the ultrasound received by the PZT transducer, we
further tested three integrated and standalone motes released from the dies fully-
wirelessly with only an ultrasound energy source. In this way, no electrical outputs
can be acquired and the only way to determine circuit operation is through the
acquired acoustic backscattering data.

The experimental setup is shown in Figure 5.16. FEach mote was separately
mounted to the center of a 3D-printed case, similar to the setup for testing the

wire-bonded motes. A piece of ~3-mm-thick chicken thigh was placed on top of the
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Figure 5.16: The experimental setup for fully-wireless ultrasound testing with a mote
released from the die. Similar to the testing setup for the wire-bonded motes, the
standalone mote was mounted on a case and covered with a piece of 3-mm-thick
chicken thigh as a biological tissue medium.

mote to mimic biological tissues. In addition, the mote was tested without blocking
the light as it was found that the deposited copper metal on the mote effectively
shielded the light and made the mote immune to optical effects.

The imaging script was first used to locate the mote-under-test in an ultrasound
image (Figure 5.17). The data collection script was then used to send focused ultra-
sound to power up the mote. To overcome the attenuation due to the chicken thigh,
ultrasound was transmitted with a peak pressure amplitude of ~451.1 kPa and an
Ispra of ~0.33 mW /mm?, much lower than the FDA limit of 7.2 mW/mm? [55]. On
the other hand, the mechanical index (MI) that characterizes the effects of the peak
pressure on animal tissues [130] is calculated to be 0.11, also much lower than the
limit of 1.9 [55]. In addition, the thermal index [130] is estimated to be 0.12, indi-
cating a minimal temperature increase of ~0.12 °C due to ultrasound under these

conditions.
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Figure 5.17: The ultrasound image showing a piece of chicken thigh placed on top of
a sensing mote during a fully-wireless testing.

5.2.2 Temperature sensing performance

Acoustic backscattering data was acquired again from 25 °C to 50 °C for wireless
operation of the three standalone motes (Figure 5.18a). After a two-point calibration
at 30 °C and 46 °C, the average temperature error is found to be +0.26/-0.26 °C, as
shown in Figure 5.18b, similar to the wire-bonded motes. The average temperature
error for the three wire-bonded motes and the three standalone motes combined is
found to be 4+0.22/-0.28 °C. Due to device-to-device variation, the six tested motes
show moderately different frequency readouts at the same temperature (Figure 5.12a
and Figure 5.18a). However, after two-point calibration, the six motes produce accu-
rate and similar temperature outputs when compared with the reference temperature,
as shown in Figure 5.19, with an average o / u of 0.0035 across the temperature range.

A long-term continuous measurement for one of the motes was performed at ~45

°C for over four hours. The acquired temperature data that tracked the temperature
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Figure 5.18: (a) The temperature curves of three standalone motes; (b) the temper-
ature error for the motes with an average of +0.26/-0.26 °C.

55
A50 L
e
@ 45+
st
=
==
E 40 -
Q
Q-35
g —a—Mote 1
= —4—Mote 2
o307 Mote 3 |
45 —w—NMote 4
L —+—Mote 5 | |
=25y Mote 6
_y=x
20— . ‘ . : :
25 30 35 40 45 50

Reference Temperature ( °C)

Figure 5.19: The calibrated temperature outputs from the six tested motes compared
with the reference temperature.

fluctuations due to the environment is shown in Figure 5.20a, along with the logged
reference temperature simultaneously measured with the thermometer. The Allan
deviation of the long-term measurement from the mote is shown in Figure 5.20b,
showing a floor of <138.6 ppm, limited only by the measurement time. This demon-
strates the minimal self-heating effects from ultrasound on the circuit operation and

the feasibility of using the proposed mote for long-term physiological temperature
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Figure 5.20: (a) A long-term measurement of over four hours of one wireless mote
at ~45 °C compared with the reference thermometer; (b) the Allan deviation of the
long-term temperature measurement in (a) showing a floor of <138.6 ppm (limited
by the measurement time).
monitoring. Moreover, continuous immersion of a standalone mote in water for >7

days revealed no damage to the film and negligible effects on the circuit functionality,

demonstrating the effective encapsulation with parylene.

5.2.3 Comparison with the state-of-the-art

Comparison to the state-of-the-art Table 5.1 compares the proposed temperature
sensing mote with other similar wireless sensing systems, showing a better or similar
sensing performance including temperature resolution and error, but with a more

compact form factor with the CMOS-PZT integration efforts pursued in this work.

5.3 In-vivo evaluation in mice with the
standalone motes

Following the comprehensive in vitro characterization, these standalone motes were

deployed in laboratory mice to verify their proper operation and evaluate their sens-
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Table 5.1: Comparison with the state-of-the-art.

This work [45] [48] [73]
Technology 180 nm 55 nm 130 nm 180 nm
Dimension | 380 X 300 x| 360 x 400 x 4?32?;?0 1.1 x 2.2 x
570 pm® 280 pm® H P 0.4 mm?
only)

Volume 0.065 mm? 0.04 mm? - 0.97 mm?
MOHOllt.hIC Yes No No No
Integration
Calibration Two-point Two-point Two-point Two-point
Resolution |, ¢ oy 0.034 °C 0.046 °C 0.3 °C

(rms)
Sensing +0.22/-0.28 | +0.38/-0.33 R .
Error °C o0 +1.3/-2.6 °C | +1.5/-1.4 °C
Power Ultrasound Light RF Battery

Source
Power Con-

. 0.813 nW 16 nW 1.05 pW 71 nW
sumption

ing performance in a real biological environment. Implantation of the motes were
performed by Dr. Victoria Andino Pavlovsky on mice brains as well as in mice
hind limbs to examine the feasibility of using these motes as temperature sensors at
different locations. The core body temperature on the brain and in the limb were
separately recorded fully-wirelessly with only an ultrasound source. In addition, in
collaboration with Professor Konofagou and her student, Stephen Alexander Lee, we
performed neuromodulation at the sciatic nerves located inside hind limbs of mice
with focused ultrasound (FUS). The temperature changes during the stimulation
were simultaneously recorded with motes implanted under the nerves in an effort to
investigate the thermal effects of FUS and the associated neuromodulation effects.
For all the in vivo experiments, ultrasound transmission gel (Aquasonic 100,
Parker Laboratories Inc., Fairfield, NJ) was used as the coupling medium in place

of DI water to accommodate the normal animal activities. Gel has similar acoustic

properties as water and is widely used in medical ultrasound imaging. To remove
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the air bubbles inside the gel, which heavily attenuate ultrasound, centrifuging was
performed on the gel at 3000 rpm for 1 hour at room temperature. In addition, the
degassed gel was microwaved for 8 s to warm it up to the body temperature of mice
prior to the use.

The Institutional Animal Care and Use Committee (IACUC) reviews and ap-
proves protocols for Columbia University’s programme for the humane care and use
of animals and inspects the animal facilities and the research laboratories. Evalua-
tion of the implanted motes was performed in compliance with ITACUC regulations
under the approved protocol of AC-AAAZ0451. Mice were obtained from Jackson
laboratories and housed in the Institute of Comparative Medicine facility of Columbia

University. Surgeries were performed in animals 3-8 weeks old.

5.3.1 On the brain

A mouse was anesthetized with 1 g/kg urethane administered intraperitoneal. While
head-fixed by means of a Kopf stereotaxic apparatus, fur was removed with hair-
removal cream, the scalp was open and a 1.5 x 1.5 mm cranial window (Figure 5.21
left) was drilled using 0.5 mm bits. A single mote was then placed on the exposed
brain (Figure 5.21 middle). The edge of the substrate was fixed through its edges
to the surrounding skull with biocompatible cyanoacrylate glue (Krazy Glue). The
scalp was then closed, covering the implanted device (Figure 5.21 right).

Figure 5.22 shows the experimental setup for testing the implanted mote. The
LL12-3v probe was positioned ~5 mm above the head of the mouse, as identified
with ultrasound imaging (Figure 5.23). Ultrasound energy with an intensity of 0.24
mW /mm? was transmitted to the mote through ultrasound gel, which successfully
powered up the mote. Backscattering data was obtained in this configuration, as
shown in Figure 5.24. An external temperature probe was placed subdermally in

the neck area in order to log temperature recordings for reference. The acoustically-

87



Skin sealed with the mote
enclosed between the brain and
the scalp

2 x 2 mm cranial window, brain Placed on the brain and fixed to the
exposed cranial window’s edge

Figure 5.21: The surgical procedures for subdermal implantation on the brain.

obtained backscattering data was converted to temperature, as shown in Figure 5.25
for a continuous recording of 10 minutes, which complied well with the reference
temperature. The recorded temperature values were lower than the normal core
temperature because the mouse had been experiencing long anesthesia when we took

the measurements.

5.3.2 In the hind limb

Thereafter, we performed subdermal implantation of a different mote in the hind limb
of a mouse in a similar way as the implantation procedures performed on the brain.
The mouse was anesthetized with 1 g/kg urethane administered intraperitoneal. The
hind limb was fixed to an acrylic base with Krazy glue to minimize movement caused
by breathing. The skin and underlying tissue were cut open with fine scissors, and
the mote fixed on a polyimide (PI) substrate for handling (Figure 5.26a) was placed
between the skin and the muscle, without further fixation. The skin was closed,
covering the device, as shown in Figure 5.26b.

Ultrasound energy with an intensity of 0.38 mW/mm? was coupled to the im-
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Figure 5.22: The experimental setup with the mote implanted on the brain.
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Figure 5.23: The ultrasound image showing the mote located above the skull.

planted mote through gel, as shown in Figure 5.27, and backscattering data was
acquired fully-wirelessly (Figure 5.28). A long-term measurement of the body tem-
perature in this configuration for ~6 minutes is shown in Figure 5.29. For this
experiment, the heating pad was removed for a short period, resulting in a decrease

in the body temperature. This shows an accurate tracking of temperature with our
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Figure 5.24: The acoustic data obtained with the mote implanted on the brain.
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Figure 5.25: A continuous temperature recording for 10 minutes with the mote im-
planted on the brain.

mote.
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Figure 5.26: (a) A mote fixed on a PI substrate for implantation; (b) subdermal
implantation of the mote in the hind limb.
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Figure 5.27: The experimental setup with the mote implanted in the hind limb.

5.3.3 Under the sciatic nerve

Further utility of the mote was investigated in regards to FUS neuromodulation of
the peripheral nervous system. We studied sciatic nerve temperature in response

to FUS. A mouse was anesthetized with isoflurane (1-5% v/v). The mouse’s hind
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Figure 5.28: The acoustic data obtained with the mote implanted in the hind limb.
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Figure 5.29: A continuous temperature recording for ~6 minutes with the mote
implanted in the hind limb.

limb was fixed with glue to a plastic base. An incision was made right under the
femur bone and the muscle was cut open in order to expose the sciatic nerve. Once
the sciatic nerve was exposed, it was gently lifted using curved tweezers and a PI

substrate (~1 mm x 3 mm) with two motes attached was carefully placed under the
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nerve. A cartoon illustration of the strategy for such implantation is shown in Figure
5.30a. The motes were fixed with glue to the two edges of the substrate (~1 mm x 3
mm), leaving a space in the middle to accommodate for the sciatic nerve. In such a
way, each mote was conveniently located at each side of the nerve (Figure 5.30b) to
record temperature changes right at the nerve during FUS stimulation. Additionally,

a saline solution was applied to the incision to prevent the nerve from drying out

during the experiment.

(a)

Devices

Figure 5.30: (a) A cartoon illustration of the strategy for implantation at the sciatic
nerve; (b) implantation of two motes at the sciatic nerve.

Following the implantation, a hind limb of the mouse was placed on top of a custom
3D-printed FUS coupling cone filled with degassed water (Figure 5.31). The cone was
designed for a 3.57-MHz therapeutic ultrasound transducer (SU-107, SonicConcepts,
Bothell, WA) where the focus was indicated by cross-hairs on the cone itself. The
transducer was connected to a function generator (33120A, Agilent, Santa Clara,
CA) and RF amplifier (A150, E&I, Rochester, NY) for generating ultrasound pulses
with a 3.57-MHz operating frequency and a 1-ms pulse duration. Four stimulation

intensities were used in accordance with parameters found successful in a previous
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Figure 5.31: Illustration of applying FUS from beneath the sciatic nerve.

neuromodulation study [36] to stimulate the sciatic nerves inside the lower hind limb.
Ultrasonic pulse trains of 1-ms pulse duration, 10-Hz pulse repetition frequency, and
peak-to-peak pulse amplitudes of 400 mV, 500 mV, 600 mV, and 700 mV, respectively,
were used to induce muscle contractions in the gastrocnemius muscle of the lower hind
limb (Figure 5.32), confirmed with electromyography (EMG) recordings with a needle
electrode (Biopac, CA), as shown in Figure 5.33. Our results indicate that higher
ultrasound intensities lead to larger areas under the curve and higher peak amplitudes
in the EMG recordings (Figure 5.34).

At the same time, the L12-3v probe measured the resulting temperature rise at
the motes (Figure 5.35). Acoustic backscattering data was reliably obtained with an
ultrasound intensity of 0.2 mW /mm?, as shown in Figure 5.36. Temperature increases
at the sciatic nerve were calculated by subtracting the temperature measured immedi-
ately before FUS exposure from the value measured immediately after FUS exposure.
As shown in Figure 5.37a, both motes recorded similar temperature increases, rang-

ing from 0.24 °C to 0.77 °C, for the four different stimulation intensities. A higher
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Figure 5.32: The experimental setup for measuring the EMG responses in the leg of
a mouse with FUS stimulation at the sciatic nerve.

intensity results in a larger temperature increases as expected, which shows the same
trend as the EMG results. In comparison, temperature increases were not seen for
single FUS pulses (Figure 5.37b), showing minimal effects of FUS on the temperature
sensing performance of the motes.

Since previous studies have shown electrical changes in membrane capacitance due
to infrared-induced local heating [131], FUS neuromodulation may also use these same
mechanisms. With the therapeutic parameters, it is hard to discount the contribution
of cavitation on the mechanisms. However, taken together, these results show that,
using our device, temperature at the nerve during FUS may change but may not be
the main driving force behind sciatic nerve neuromodulation.

Therefore, the proposed motes can be used towards different kinds of in vivo tem-
perature sensing applications from routine measurements of core body temperature
to temperature monitoring during thermal-related procedures. They can replace the

conventional temperature probes or MRI machines, which are either inconvenient or
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Figure 5.33: EMG signals recorded with FUS stimulation at the sciatic nerve.

expensive, for more localized and distributed sensing of physiological temperature in

a fully-wireless approach.
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Figure 5.34: Area-under-the-curve analysis of EMGs acquired from FUS stimulation.

Figure 5.35: The experimental setup to measure temperature increases with FUS
stimulation.
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Figure 5.36: The acoustic data obtained with the motes implanted under the sciatic
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o
™

o o o o
IS 3 o ~

Temperature Increase (°C)

o
w

0.2

LR J

* Mote 1
¢ Mote 2

0.05

Temperature Increase (°C)

Figure 5.37: (a) The temperature increases with four different stimulation intensities;

400mv

500mv 600mv
Ultrasound Intensity

700mv

0.04 |

g
o
@

g
o
~

0.01}

. * * .
. .
* Mote 1
¢ Mote 2
400mv 500mv 600mV 700mv

Ultrasound Intensity

(b) negligible temperature increases with single FUS pulses.
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Chapter 6

Conclusions and Future

Work

6.1 Summary

In summary, this thesis presents a miniaturized, low-power, fully-wireless sensing
mote with a monolithically-integrated ultrasound transducer for accurate and safe
physiological temperature monitoring. The mote achieves aggressive miniaturization
(380 um x 300 ym x 570 pm, 0.065-mm?) by integrating a CMOS temperature sen-
sor chip with a micron-scale PZT transducer. This on-chip transducer harvests ultra-
sound for wireless power and transmits temperature data through acoustic backscat-
tering fully-wirelessly.

In vitro measurements of these fully-integrated motes show a temperature reso-
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lution of 0.0078 °C rms, temperature error of +0.22/-0.28 °C from 25 °C to 50 °C
with a ~0.813-nW power consumption at 37 °C. Long-term measurements show a
negligible effect from ultrasound on the proper operation of the proposed mote. In
addition, successful in vivo evaluation with these motes implanted at different loca-
tions of mice, including the brain, the hind limb, and the sciatic nerve, shows the
feasibility of applying them to both the clinical and basic scientific research scenarios
for continuous physiological temperature monitoring.

The extremely-miniaturized form factor and completely-wireless operation enable
a number of these sensing motes to be implanted or injected using minimally invasive
procedures into the targeted sites of interest. They can be deployed to perform real-

time, distributed and localized in vivo temperature monitoring and mapping.

6.2 Future work

To continue the endeavor of this work, the limit on the size scaling for these motes
can be investigated. Further scaling down these motes to the 100-um size-scale or
even the 10-um size-scale is an interesting yet challenging topic.

Additionally, impedance matching layers can be fabricated on the integrated PZT
transducers to improve acoustic performance, facilitate the ultrasonic transmission,
and allow for more coupled power.

Furthermore, different kinds of piezoelectric materials can be considered, such as
the PMN-PT single crystal, which has even more superior piezoelectric properties

than PZT.

6.3 Final thoughts

The proposed sensing mote provides a complete platform for developing wireless,

miniaturized implantable devices for physiological temperature monitoring. It can be

100



extended to the in vivo, wireless measurements of other types of biological parameters,
such as pH, pressure, and glucose concentration. Similar techniques can be applied
to integrate custom sensing electronics with piezoelectric transducers through similar
microfabrication to create miniaturized, monolithic ultrasonic wireless systems and

devices for biomedical sensing and monitoring applications.
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