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Abstract

The current landscape of neurotechnology is thriving with a wide variety of systems and

devices to study the brain and treat diseases associated with the nervous system. However,

many patients who live every day with a prosthetic limb or with the consequences of a

spinal cord injury are still waiting for a solution that could restore their abilities to move

freely. In this regard, no established clinical solution exists at the moment, and the ma-

jority of the systems proposed and developed by the scientific community fail to translate

to commercial products, mainly due to the lack of consistent chronic performances.

The design of an implantable system that can reliably work over decades is still a

great challenge. The objective of this thesis is to explore the issues that impede long

term operation, and to provide possible methods and solutions in the aspects regarding

packaging and encapsulation of chronic implantable devices for cortical recording.

With such goal in mind, the following work starts by presenting a review of neural

implantable devices, with an emphasis on the challenges they face when dealing with

chronic implantation. The original contributions presented in the subsequent technical

chapters are summarized here:

• The identification of a method to assess the level of hermeticity of a micro-packaged

implantable device. The proposed solution is the use of a custom designed relative

humidity sensor, to detect the presence of water molecules inside the packaged device.

The full design of the sensor is described in detail, from the mathematical modelling

of the sensing element to the readout circuit architecture, with focus on reducing the

circuit footprint, as required by the specific application. The use of a commercially

available sensor is also explored for the realization of a bench top hermeticity testing

platform, by measuring its ability to withstand the temperatures required in the

sealing process of an implantable micro-package.

• The quantification of the damages due to corrosion that occur on a silicon-based

device encapsulated with a polymer coating. This has been achieved by designing

dedicated test structures, and observing their behaviour in accelerated life tests,

that have demonstrated the reliability of silicon substrates for chronic implantable

devices. The use of an industry standard CMOS process increases the significance of

the results. The idea of equipping implantable devices with self-diagnostic capabil-

ities has also been explored. Two instrumentation circuits are proposed to monitor

in real time the diffusion of water molecules within an implanted integrated circuit.
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• The development of an overall structure and fabrication method for the realization

of a fully autonomous, wireless, millimetre-sized neural implant, focusing on the

hermeticity of the embedded electronics and on the use of penetrating microwires for

cortical recording of local field potentials. The mechanical structure of the implant

is presented in detail, and a first prototype is realized, together with a dedicated

platform to speed up the assembly of the probes.

This work proposes devices and methods for the realization of miniaturized neural im-

plantable devices, stressing the importance of chronic reliability and emphasizing the need

for a design approach that keeps in mind the clinical applications of future neural inter-

faces.
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1. Introduction

The history of our species is a strange and wonderful tale of exceptional ingenuity, discov-

eries, and inventions. As humans, we have explored and conquered the planet Earth, as

well as explored beyond its boundaries and literally reached for the stars. But if we look

at ourselves as individuals, the way our body is structured and the biological processes

that govern it are very similar to most mammals, with which we share the majority of

our DNA. The feature that really sets us apart is the prodigious development of the most

incredible organ in our body, what UCSF neuroengineer Tim Hanson calls “one of the

most information-dense, structured, and self-structuring matter known” [1]: the human

brain.

The fascination for this elusive entity has fostered a tremendous amount of research,

and incredible results have been achieved, especially in the last century: at the cellular

level, we now know the mechanisms that regulate the behaviour of single neurons, while

at the high level we have been able to map certain tasks and states to specific areas of the

brain. However, all the functions that lie in between these two levels, the processes that

regulate things such as memories, decision-making, or creativity, remain largely a mystery.

Yet the current scientific era we are witnessing gives us hope: technological advancements

and breakthrough scientific discoveries, paired with increasing multidisciplinary collabo-

rations between natural sciences and engineering, seem to prove promising in pushing the

boundaries of our understanding of the brain.

Nonetheless, we must be careful not to limit ourselves in viewing our brain only through

the tools we currently have at disposal. The advent of electronics and computing, and

most recently of artificial intelligence suggests a tempting parallel with our natural way

of processing information, but it might as well be a limited interpretation, dictated by

our state-of-the-art technology, similarly to what has happened in the past centuries,

with hydraulic, mechanical, or electrical explanations for the human thinking process [2].

Besides, a full understanding of the brain might be just out of reach for us, as scientist

Emerson Pugh observed: “If the human brain were so simple that we could understand it,

we would be so simple that we couldn’t” [3].

The only way to broaden our understanding of the brain is to continue encouraging

research and innovation, promoting multidisciplinary cooperation, always keeping in mind

the invaluable benefits that improvements in this field could bring to millions of people

around the world suffering from neurological conditions or trauma.
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1.1. Motivation

One of the most significant effects that scientific and technological progress has had, is

the terrific impact on the average health of the world population. According to the World

Health Organization (WHO), global life expectancy at birth has increased by 5 years

between 2000 and 2015 [4]. Such breakthroughs give hope for an healthier future, but

many challenges still remain to be faced, particularly regarding diseases of the brain and

the nervous system. Neuro-psychiatric disorders currently take up five of the top ten

causes of disability [5]. Moreover neurological diseases are usually chronically debilitating,

and their long-term need for medical care and assistance has a large economical impact

both for patients and for health care providers. Another study from the WHO estimates

that nearly one billion people worldwide suffer from neurological disorders and mental

illnesses, a figure destined to increase because of the overall ageing of the population,

that will exacerbate the occurrence of pathologies such as Alzheimer, Parkinson’s disease

and various forms of dementia [6]. For example, epilepsy is ranked third within the most

commonly diagnosed neurological disorders, and it affects more than 50 million people

globally [7]. Traumatic injuries also play a significant role: as an example, an estimated

2.5 million people around the world suffer from paralysis caused by spinal cord injury

(SCI) [8].

Together with affecting the everyday life of an extremely vast number of people, these

conditions also create a considerable economical burden for society. In 2010, the overall

European cost of brain disorders was estimated at about e800 billion [9]. In the US alone,

the estimated lifetime cost for a patient with complete tetraplegia is about $3 million [8].

These astonishing figures have driven a tremendous effort in research specifically tar-

geting the nervous system, its functional mechanisms, as well as targeted therapies for

neurological conditions. Huge collaborative research efforts have been created, such as the

European Human Brain Project, that aims at the creation of a computer simulation of the

functions of a full human brain, or the BRAIN Initiative, a US project that involves col-

laborations between public and private institutions, such as the Allen Institute for Brain

Science and the DARPA, launched in 2013 under the Obama administration. However, it

is important to underline how these projects have largely focused on developing research

tools rather than devices or techniques for clinical applications.

There is a general feel in the research community that the current generation of avail-

able technology might be approaching maturity, and that it might allow to close the gap

between the research environment and the clinical applications. Supporting this assump-

tion is the fact that in very recent years, large technological companies are venturing in

the field of neurotechnology. Business investor and entrepreneur Elon Musk founded Neu-

ralink in 2016, with the visionary long-term objective of creating complex brain-computer

interfaces that might enhance human abilities. The company has attracted scientists and

researchers from world renowned institution, and has released a first overview of its work

18



in 2019 [10]. Facebook founder Mark Zuckerberg confirmed in 2017 that his company is

aiming at developing a brain-computer interface focused on decoding speech and language

with the help of non-invasive devices, that will supposedly allow to type directly from the

brain. Also Alphabet Inc., the parent company of Google, established in November 2016

Galvani Bioelectronics, in partnership with pharmaceutical giant GlaxoSmithKline, with

the objective of developing implantable technology for targeted, personalized healthcare.

The continuous advancements in technology that allow for the creation of smaller, more

efficient electronics, together with the advent of such big players and investments from

both the research and the industry environment, seem to bring us closer to scenarios were

the human brain can directly and effectively communicate with the external environment

through the use of electronics and software. It is not hard to imagine the extraordinary

applications that such technology would unlock, like the possibility to restore the complete

motor capabilities of amputees, that would be able to control their prostheses in a natural

way, and receive sensory feedback. Locked-in patients, who would be given a way to

communicate with the outside world [11]. Even outside of the medical domain, it is possible

to envision applications that augment the natural capabilities of the human body, such

as brain-to-brain communication, learning enhancements, or the use of external devices

controlled with the brain [12].

If there is literally no limit to the possible applications one can think of, it is important to

have a realistic and critical vision, particularly in a domain where captivating headlines and

prophetic announcements can be easily put up (and even more easily spread), and ask what

are the missing pieces in current solutions. In particular, the main challenges associated

with the use of invasive implantable systems still remain largely unsolved, although their

resolution has proven critical for the success of such systems. Non-invasive solutions, while

still showing promising results, currently lack spatial resolution and bandwidth required

for seamless and natural operation [13]. Invasive methods, on the contrary, show extremely

precise interfacing capabilities, down to the single cell, but pose critical issues, in particular

regarding their chronic performances and the risks associated with cranial surgery.

Like with all medical devices, it is of utmost importance to ensure that the benefits for

the patients outweigh the inherent risks, and that the degree of invasiveness is limited to

the absolute necessary [14]. To be able to deliver a neural implantable device, capable

of reliable operation over long periods of time with a minimal impact on the surrounding

tissue would be a major breakthrough and could push further the study of our brain and

its mechanisms, and allow new solutions to treat several conditions of the nervous system

[15].

That is why the design of the next generation of implantable neural interfaces will have

to adopt a broader approach, building on present results but at the same time without

neglecting the essential aspects for a successful medical device: safety, long-term device

reliability and signal stability, and system effectiveness.
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1.2. Research objectives

The main objective of this research project is to address the issue of safe chronic operation

and reliability of implantable neural devices, which importance has been highlighted in

the previous section. In particular, it aims at establishing a method of assessing the long-

term stability of millimetre-scale implantable micro-packages, and to investigate the design

approaches necessary to deliver a subdural implant that presents a reliable encapsulation.

Achieving these objectives would contribute to the development of long lasting neural

implants, thus reducing the need of multiple, very invasive surgical procedures, with all

the associated risks, and greatly improving the patients’ quality of life.

Based on these considerations, the following research objectives have been identified:

• Identify a reliable method to verify and monitor over time the hermeticity of mm-

scale implantable micro-packages. This should be achieved in a way that can easily

integrate with the implantable device, minimizing its impact in terms of required

volume and power budget. This would allow for both bench top testing during

implant prototype fabrication, as well as continuous monitoring over the device life

time. Possible applications could be extended beyond the specific field of neural

implants, as a general way of assessing the status of encapsulation of packaged devices

in applications where chronic hermeticity is required.

• Investigate the resistance of silicon substrates to moisture penetration, to validate

the feasibility of active implantable devices that adopt only polymer encapsulation,

that might allow for the reduction of the overall size of the implants. Results in this

area would produce valuable insights for the realization of sub-millimetre implants,

as well as providing useful insights on the mechanism that regulate water penetration

in active silicon stacks.

• Develop the design and the fabrication strategy for the manufacturing of a mm-

scale, wireless neural implant for cortical recording, with focus on a suitable form-

factor and materials choice to target chronic operation and minimal impact on the

surrounding tissue.
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1.3. Outline of thesis

This thesis is structured as follows:

• Chapter 1, “Introduction”, has given a preface to the study of the brain and provided

the motivation of the work, together with the main objectives of the research.

• Chapter 2, “Neural Implantable Medical Devices: Current Solutions and Future

Technological Challenges”, presents the relevant background regarding the field of

implantable devices, with a focus on implantable neural interfaces. The need for

invasive implants is discussed, followed by a review of current state-of-the-art devices

for cortical recording. The challenges associated with chronic implantable devices

are detailed, with emphasis on the necessity of implant miniaturization, and the

main approaches currently explored in the research environment are presented.

• Chapter 3, “Humidity Sensing for Monitoring Micro-Package Integrity”, identifies

the challenge of moisture penetration in implantable devices, and reviews the cur-

rent scientific literature regarding the methods to assess the hermeticity of micro-

packages, with a focus on humidity monitoring. It then presents a review of current

solutions for humidity sensing, to introduce the design of a custom capacity-based

humidity sensor, from initial numerical simulations to circuit architecture and fab-

rication. The testing and use of a commercial humidity sensor is also described, as

the initial off-the-shelf solution for the creating of a testing platform for hermeticity

testing of micro-packages.

• Chapter 4, “Chronic Stability of Implanted Silicon Devices”, investigates the chronic

performances of silicon based implants when only polymer encapsulation is used.

It presents the design of custom silicon test structures for accelerated life testing,

together with the experimental setup and the obtained results. Two novel circuit

topologies for the evaluation of water ingress in a CMOS stack are described and

discussed.

• Chapter 5, “Design of a Microwire-based Mm-scale Cortical Recording Implant”,

presents the current trends for the fabrication of hermetic feedthroughs for neu-

ral applications and their associated challenges. It then discusses two iterations of

a fabrication and assembly strategy for a microwire-based millimetre-scale neural

implant.

• Chapter 6, “Conclusion”, summarises the content of the thesis, and concludes by

highlighting the original contributions and discussing future directions of the project.
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2. Neural Implantable Medical Devices:

Current Solutions and Future

Technological Challenges

During the course of history, we have always tried as humans to use our ingenuity when

facing difficulties, and possibly no adversity is bigger of a danger that the ones threatening

our own bodies, such as diseases and disabilities. The knowledge and tools available at

any specific point in history were often put to use for healing sufferers and restoring body’s

capabilities. We have evidence of cosmetic foot prostheses from ancient Egypt dating as

far back as the 28th century BC, while the first devices that could be considered true

rehabilitation aids were produced by the Greek and Roman civilizations [1].

The effectiveness of these solutions has always evolved together with the growing com-

prehension of the human body and the technological and manufacturing advancements.

One of such major developments happened in the second half of the 18th century, when

Italian physician and physicist Luigi Galvani discovered the interaction between biological

tissue and electrical stimuli, by observing the contraction of a dissected frog’s limbs caused

by a spark from a nearby electric machine [2]. His experiments pioneered the field of what

he called at the time “medical electricity”, and that we now know as electrophysiology.

The impact of his results spread beyond the scientific community and went on to influence

popular culture, most notably inspiring Mary Shelley’s novel Frankenstein, that builds

upon the idea of giving back life through artificial technology.

Continuous scientific discoveries and new technical solutions in the field of electricity,

and in particular the advent of electronics at the beginning of the 20th century, paved the

way for major breakthroughs in the way technology interfaces with our bodies to provide

medical treatments, and in particular for the development of implantable devices.

2.1. Merging body and technology

Medical devices can be defined as implantable when they are introduced, partly or totally,

into the body with the intent to remain there after the procedure [3]. The earliest example

is the implantable cardiac pacemaker, developed by Wilson Greatbatch in the mid-1950s

and successfully implanted in a human in 1960 [4], replacing external pacemakers which

were bulky and caused damages to the skin. This device was composed by a central unit

implanted in the chest containing the electronics and the nickel-cadmium battery, from
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(a) (b) (c)

Figure 2.1.: Examples of different types of past and current implantable medical devices
for therapeutical applications: (a) Central unit of a Greatbatch cardiac pace-
maker made by Medtronic (circa 1960). The diameter is approximately 55 mm
(© Museum of Health Care, Kingston, CA); (b) Medtronic Advisa DR MRI™

SureScan™ cardiac pacemaker, compatible with full body MRI scans; (c)
Flowonix Prometra® II drug delivery implantable pump.

which the stimulating electrodes departed (see Figure 2.1a). The housing was made of

polymer-based epoxy resin, but this material experienced swelling over time, and dissolved

into the body [5].

To resolve the issue, current implantable pacemakers use a laser welded titanium pack-

age, which is biocompatible, durable, and offers great mechanical and corrosion resistance.

Ceramic-based connectors ensure a path for the electric signals in the leads while main-

taining them electrically insulated from the metallic enclosure (Figure 2.1b). A similar

type of devices, implantable defibrillators share an equivalent structure, and use the same

type of enclosure as pacemakers. Devices like these have proven extremely successful and

are currently implanted in millions of people worldwide.

Bone growth stimulators are devices that provide electrical stimulation to promote bone

growth in fractures that are difficult to heal, most notably the spine. Titanium is again the

material of choice for the packaging, and the leads are insulated with silicone (Figure 2.1c).

Another category of commercially available implantable medical devices (IMDs) are

implantable drug delivery systems. An example is the Prometra® II pump, which delivers

pain-relief medications to patients suffering with chronic pain. Titanium casing is still used

to host the battery and the electronics, with a flexible catheter for drug delivery at the

desired site.

These examples share some common design features regarding the casing, with titanium

being the material of choice for the vast majority of them. This is often possible given the

relatively large dimensions of these devices, but proves more challenging when shrinking

the size of the implant to the millimetre scale, as will be discussed later in this chapter.

Another common feature is that from the advent of implantable devices until recently,

the main function of these systems has been unidirectional, and particularly delivering

stimuli, electrical or chemical, to the desired target region. More recently, thanks to the

25



continuous miniaturization in size and power consumption of electronic circuits, there have

been many efforts towards closed loop systems, able to sense biological data in real time

and react accordingly, processing the information within the body of the patient. This

would be particular beneficial in our ageing society, where such technology could actively

support patients at home and minimize hospital care [6].

All the devices mentioned above have been successfully applied as therapeutical devices

for various parts of the human body, and they gave us an idea of the type of encapsulation

and materials used for implantable devices; we now focus our attention on applications

for the nervous system.

2.2. Connecting to the nervous system: neuroprosthetics

and brain-computer interfaces

Before going into detail with regard to the various types of available neural implantable

devices, we give a brief overview of the human nervous system (see Figure 2.2).

The nervous system can be divided in two main components, the central nervous system

(CNS) and the peripheral nervous system (PNS). The CNS consists of the brain and the

spinal cord, both of which are enclosed in three protective membranes called meninges:

the dura mater on the outside, the arachnoid mater in the middle, and the pia mater on

the inside, in contact with the neuronal tissue. The CNS is also protected from mechanical

injuries by the skull and the vertebral column, and is chemically protected by the blood-

brain barrier. The PNS is formed by the remaining nerves and ganglia, and mainly acts

as a connection between the CNS and the other parts of the body.

Zooming in on the brain, it is possible to distinguish several regions, whose anatomy

reflects the millennia of the brain’s evolution. Starting from the junction between the brain

and the spinal cord we encounter the medulla, pons, and cerebellum. Moving further up,

there is the midbrain, the diencephalon, and finally the telencephalon, which constitutes

the largest part of the brain and is split in the two cerebral hemispheres [7].

The outer layer of these hemispheres, called cortex, shows the characteristic folds which

increase the surface area. Various areas of the cortex can be mapped based on the predom-

inant functions that the neurons in that area are dedicated to (see top right in Figure 2.2).

Neurons are a very specific type of cell, and are the basic building block of the nervous

system. There exist different types of neuron, each specialized for a specific task. For

simplicity we take as an example a multipolar neuron (pictured bottom right in Figure 2.2).

This neuron has a main cell body called soma that contains the nucleus and is surrounded

by cellular ramifications called dendrites. A single, longer branch called axon, extends

from the soma and has ramified ends. Neurons are connected to each other to form an

extremely complex network. Signals are exchanged between neurons in an electrochemical

way: the axon terminals of a neuron connect to the dendrites of multiple other neurons in

what are called synapses. In a synapse, chemicals known as neurotransmitters are released
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Figure 2.2.: Overview of the human nervous system: on the left a representation of CNS
and PNS; on the top right, a diagram of the brain with highlighted the motor
and sensory functional regions of the cortex (adapted from [8]); on the bottom
right, a multipolar neuron.

from the axon terminal and sensed by the receptors on the dendrites of the target neuron.

The neurotransmitters cause a raise in the membrane potential of the neuron (that usually

rests at about −70 mV). When the concentration of neurotransmitters is high enough to

cause this membrane potential to exceed a certain threshold value (in general around

−55 mV), it causes a rapid positive spike that travels through the axon, and reaches the

next synapse.

It is this electrical behaviour of the neurons that has opened the possibility of creating

technology that can interface with the nervous system. The first example of such tech-

nology was created in 1924 by German psychiatrist Hans Berger, when for the first time

and using rudimentary silver electrodes, he recorded electric signals from the scalp. To

describe these signals he coined the name electroencephalogram (EEG) [9]. The discovery

was the first seminal example of a Brain-Computer Interface (BCI), a term used for the

first time in 1973 by University of California at Los Angeles professor Jacques Vidal in

one of his publications [10]. This term and its equivalent Brain-Machine Interface (BMI)

indicate those systems that measure activity of the nervous system and convert it into

new, artificial outputs, different from the traditional hormonal or neuromuscular outputs

of the CNS [9].

Not all kinds of neural interfaces that have been developed over the years fall into the

above definition of BCI. As BCIs aim at providing new outputs from the CNS, other devices
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deliver stimulation to target areas of the nervous system to restore function or replace lost

tissue. This category of devices thus focuses on creating new inputs to the nervous system,

as opposed to BCIs, and is usually referred to with the term neuroprosthetics.

The development of neuroprostheses has generated a number of successful applications

over the last decades. Perhaps one of the major examples is the cochlear implant, a

system designed to restore hearing capabilities in patients affected by profound deafness.

It is composed of an external unit equipped with a microphone to pick up the sound

from the environment, which is then processed and sent to an implanted device through

a transcutaneous inductive link. The implant contains an array of electrodes inserted

in the cochlea, inside the inner ear. The electrodes are able to directly stimulate the

auditory nerve with the signal received from outside. Originally invented in 1957, the

first successful multi channel devices were implanted in the 1970s. According to the US

National Institutes on Deafness and Other Communication Disorders, as of 2017 more

than 324,000 people across the world live with a cochlear implant [11].

Another successful example of neuroprosthetic device is the use of neurostimulators

for deep brain stimulation (DBS). This device uses implanted electrodes that reach the

internal areas of the brain and provide electrical stimulation to treat the symptoms of

various conditions, like Parkinson’s disease, essential tremor, and more recently certain

forms of epilepsy [12]. The electrodes are connected to a generator implanted in the chest

that hosts batteries and electronics, packaged in a way that is very similar to the IMDs

presented in section 2.1.

Likewise, spinal cord stimulators have proven to be effective as pain relief devices by

reducing the intensity and the duration of pain. Their electrodes interface with the nerve

fibres in the spinal cord to provide electrical stimulation that attenuates the painful sen-

sation [13].

Visual prostheses have also been an extremely active field of research. Their objective

is to restore vision in blind patients by stimulating one of the neural areas of the visual

pathway, from the retina to the visual cortex. Although several studies have reached

human trials, many challenges are still present with this type of prostheses, and currently

only few devices have been approved for medical use [14], like the Argus® II by Second

Sight, a retinal stimulator for the treatment of retinitis pigmentosa.

In general, we can say that the development of neural interfaces has followed a similar

development process as the other IMDs described in section 2.1: while the first successful

examples were mainly stimulators that targeted the symptoms of specific conditions, cur-

rent efforts are moving towards system that can sense the activity of the nervous system

and respond accordingly in real time, by either actuating external technology, or acting

back on the neural tissue. This blurs the lines between the definitions of BCIs and neu-

roprostheses, since inputs and outputs now operate in a closed feedback loop, but at the

same time creates new opportunities for the development of novel systems that might

improve the lives of millions of people around the world.
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2.2.1. Sensing brain activity

To get a broader understanding of the way different BCIs operate, and to recognize the

different technological challenges they pose, it is important to consider the various types

of neural electrophysiological signals that they target (see Figure 2.3 for reference).

A general consideration valid for all the presented signals is that their quality is greatly

influenced by multiple factors: from the amount of tissue damage during insertion and

consequent immune response to the electrodes’ material, impedance, separation, and place-

ment. A significant amount of signal processing is required to enhance signal-to-noise ratio

(SNR) and extract the desired features form the raw signals. Given the necessary amount

of computational power and the consequent power dissipation, such processing is usually

performed in a different site than the implant.

Electroencephalogram

Starting from the less invasive type of recording, the first kind of brain signal encountered

is the already mentioned EEG. It is a low frequency electrical signal (<100 Hz), generated

by the simultaneous activity of a very large population of neurons, which in turns generates

a variable electrical potential across the surface of the brain that can be recorded from the

scalp. Such activity can either be caused by specific events (such as a sensory stimulus or

a performed action) or by the natural oscillation in neural potential. The practical use of

EEG signals implies the establishment of an empirical correlation between the functions

of the CNS and the recorded EEG patterns [15]. The signal spectrum can be separated in

different bands, each associated with different states or activities of the recorded subject,

and usually sensed in distinct locations.

EEG signals are recorded using electrodes placed on the surface of the scalp. Depending

on the targeted functionality, different hardware configurations exist, with variable param-

eters, from the number of electrodes, to their placement, separation, and impedance. EEG

systems are generally cost effective compared to other brain recording or imaging tech-

niques, don’t require any invasive procedure, and have no significant side effect. Thanks to

these characteristics, they are commonly employed both in the diagnostic and research en-

vironment. More recently even the consumer sector is exploring their potential, especially

in applications such as video games and virtual reality [16].

However, when compared to others more invasive solutions, EEG systems show a lower

spatial resolution, and a poor SNR. This is mainly due to the considerable signal at-

tenuation produced by the distance between the recording electrodes and the surface of

the brain, as well as the susceptibility to artefacts caused by movement. Various sig-

nal processing and feature extraction techniques have been investigated to mitigate these

drawbacks [17] but, as of today, EEG-based BCIs lack the resolution obtained using more

invasive systems.
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Figure 2.3.: Main different electrophysiological brain signals and location of their respec-
tive recording sites (adapted from [18]). The waveforms depicted here are
illustrative, as each of these signals can present considerable variability due
to factors such as type and placement of electrodes, or the data filtering and
processing employed.

Electrocorticogram

By placing electrodes closer to the surface of the brain, it is possible to perform an electro-

corticography (ECoG). The nature of the ECoG signal is the same of the EEG, but there

are two main factors that differentiate these techniques: (i) being recorded directly from

the surface of the brain, ECoG signals don’t suffer from the attenuation due to the layers

of bone and skin that affects the EEG. This results in a sharper activity and a larger sig-

nal amplitude; (ii) ECoG is recorded from an area of, at most, a few squared centimeters,

making it a much more localized methodology for activity recording compared to EEG,

which in turns records across the whole scalp. Therefore with ECoG the ability to sense

large oscillatory patterns in brain activity is partly lost in exchange for a more accurate

local resolution.

The ECoG devices generally consist of a one or two-dimensional array of metal electrodes

embedded in a polymer substrate, with wires connecting to the outside of the skull. The

array is usually placed below the dura, the ticker of the three meninges, but above the

arachnoid mater, although in some case also the arachnoid is, at least partially, removed

[19], and the ECoG electrodes are in contact with the pia mater. Being closer to the brain

cortex, the spatial resolution of ECoG is significantly higher compared to EEG, but the

obvious trade-off is the need for an invasive surgical procedure necessary to implant the

electrode array.

Since its first applications in the 1950s, ECoG recording has been predominantly used to

identify and monitor in the short term areas of the brain that require surgery. For example,

in patients suffering from severe epilepsy, ECoG signals can be used to identify the areas

of the brain from where seizures originate, and to monitor post-surgical brain activity

[20]. ECoG arrays have also been used as stimulators to perform functional mapping of
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the cortex. By using electrical stimuli to excite or inhibit specific areas of the brain, it

is possible to map such areas to certain functions, and prevent unwanted damage during

surgery [21].

More recently there has been increased interest in using ECoG recordings for BCIs

applications [22]. Studies have demonstrated the use of high-density ECoG arrays for

individual finger control [23], and the use of two wireless epidural recording implants to

give a tetraplegic patient control over a robotic exoskeleton [24]. These results show the

promising potential of ECoG-based BCIs, although currently they have yet to match the

superior spatial resolution of intracortical solutions.

Local Field Potentials & Action Potentials

Using electrodes that penetrate the brain cortex, it is possible to get closer to neurons

and record their activity with the highest spatial resolution. The firing activity of a single

neuron can be observed by recording its action potential (AP), also referred to as spike

due to its impulsive characteristic. As described in the previous overview of the nervous

system, these spikes represent the sudden change in the electrical potential of the outer

membrane of neuron cells, and their occurrence is a direct signal of neuron activity. Since

the APs are generated by individual cells, it is necessary for the recording electrodes to

be very close to the desired source in order to achieve good SNR. This implies sensing

electrical activity in a radius of approximately 0.05 to 0.35 mm from the surface of the

electrode. Moreover, in order to effectively record APs, a sufficiently high sampling rate

is required, usually above 10 kHz [25].

APs provide a real-time measure of a single neuron being activated, and therefore by

recording them it is possible to achieve the highest information granularity. However, it is

particularly challenging to obtain consistent signal quality in vivo over time. The relative

motion between the neurons and the electrodes makes it difficult to track the behavior of

specific cells. Moreover, the glial encapsulation of the implant diminishes the sensitivity

of the electrodes, as a consequence of foreign body reaction [26].

To overcome the challenges posed by the recording of APs, it is possible to shift the

focus to another type of signal, known as local field potentials (LFPs). LFPs are electrical

potentials generated by the simultaneous activity of clusters of nearby neurons. These

signals are recorded in the extracellular space within the target tissue volume. Using a

crowded room as a simplified analogy, where each person represents a neuron, we can

compare the recording of APs with listening to single people speaking, while the recording

of LFPs corresponds to get local averages of the loudness of the various conversation groups

in the room. It is evident that, by using LFPs, the details in operation of single cells are

lost. This reduction in spacial resolution is compensated by better chronic performances.

In fact the larger recording area, around 0.5 to 3 mm from the electrode’s tip, allows for a

bigger margin for relative motion between implant and tissue, increasing the stability of the

recording over longer periods of time. The requirements on the implant’s electronics are
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Table 2.1.: Summary of the main characteristics of brain signals

Signal
Size of recorded

neuron population
Spacial

resolution
Temporal
resolution

Device
size

Invasiveness of current
recording devices

EEG Billions of neurons cm 100s of ms
[29]

Full head coverage Low (outside scalp)

ECoG ~500,000 neurons [30] mm ms [31] Few cm2 High (requires surgery but
no brain penetration)

LFP ~100 to 10,000 neurons [32] From 100s of
µm to mm

ms [33] From mm2 to cm2 Very high (brain penetra-
tion)

AP Down to single neuron µm ≤ ms [34] From mm2 to cm2 Very high (brain penetra-
tion)

also relaxed, since LFPs have lower frequencies than APs (up to a few tens of hertz), and

are usually recorded with sampling frequencies of up to a few hundred hertz [25]. Despite

containing less raw information than APs, it has been proposed that the information

content of LFP signals might be sufficient for decoding brain activity related to motor

skills [27]. This would allow for simpler, more reliable implants, by moving the engineering

complexity to the off-site decoding of the brain signals. It is worth noting that at present,

the types of micro-electrodes used to record LFPs and APs are in general similar, and the

distinction between the two signals is often performed by the electronics and the necessary

signal processing.

The main characteristics of the presented electrical signals are summarized in Table 2.1

(please note that the “Device size” column only indicates the dimensions of the recording

elements, without considering the external hardware required for data processing). It is

evident how a compromise needs to be made between invasiveness and resolution. On

one hand, the development of medical devices has to keep the safety and well-being of

the patient as the first priority, minimizing risks. The impact of a surgical operation, and

in particular brain surgery, must not be underestimated. In fact, the main motivation

behind many EEG studies derives from such considerations. On the other hand, invasive

systems have shown superior spatial resolution, and have the potential for the development

of high-bandwidth applications. Moreover, FDA-approved neural implantable stimulators

like the previously mentioned systems for DBS, have been largely used in thousands of

patients, showing a very low incidence of complications [28].

A number of different intracortical implants have been proposed and investigated, but

they haven’t proved to be mature enough to be employed outside the research environ-

ment. In fact, although they have demonstrated excellent performances in recording high-

resolution brain signals, they still suffer from durability issues. The current state-of-the-art

devices for intracortical recording will be further discussed in the next section.
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2.2.2. Neural implants for cortical recording

In order to understand the challenges posed by chronic implantable interfaces, we exam-

ine the current state-of-the-art devices used for cortical recording of brain activity. The

majority of these devices have proven to be very effective in the research environment.

However, with just a few exceptions, they have not received FDA approval to be used as

clinical tools.

Microwire-based implants

Microwires have been on of the earliest examples of implants to record neural signals. They

consist of thin metal wires with a diameter of about 10 to 100 µm. Standard materials

of choice are tungsten, platinum, or a platinum/iridium alloy. The wires are coated for

insulation, except for the tip, which acts as the recording electrode [35]. Since every

microwire only has a single recording site, multiple wires are usually combined together to

form bundles or two-dimensional arrays, where the number of wires, together with their

length and separation is custom designed to fit the desired application, and therefore the

target area of the brain (see Figure 2.4a).

Microwire arrays allow for great design adaptability in the number and location of

recording sites, as well as electrode’s surface area and geometry. Also they have so far

demonstrated remarkable chronic performances, reaching more than 5 years of cortical

recordings from monkeys [36, 37]. However, microwire arrays still rely on bulky connectors

for interfacing the wires with the required electronics for signal acquisition. Moreover, they

generally require laborious manual assembly, and present challenges during insertion, given

the flexible nature of microwires that move and spread inside the tissue, making it harder

to target a specific recording area.

Utah electrode arrays

The Utah electrode array (UEA) (Figure 2.4b) is a silicon based microelectrode proposed

in the 1990s by University of Utah professor Richard Normann [42], and is currently the

most used recording implant for intracortical BCIs [9]. It is micro-machined from a single

monocrystalline silicon substrate to produce a matrix of needles. The tips of these needles

are then metallized, while the rest of the device is insulated with polymer deposition [43].

The usual configuration is a 10x10 array, with a total size of 4x4 mm and needle length

that ranges between 1.5 and 2 mm. To this day, UEAs are the only cortical recording

interfaces that have been approved for clinical use, as demonstrated by the BrainGate

BCI, that allows the remote control of a prosthetic arm [44].

By exploiting fabrication methods typical of the microelectronics world, UEAs can be

manufactured with high yield, and with a moderate degree of design variations in terms

of dimensions and number of recording points. Although some wireless versions of UEAs

have been proposed [45, 46], they remain mostly wired-based interfaces, that require con-
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(a) (b)

(c) (d)

Figure 2.4.: Examples of different types of intracortical implantable interfaces for neural
recording: (a) 64 channel platinum/iridium microwire array by Clunbury Sci-
entific LLC [38]; (b) 4x4 mm Utah array, with recording electrodes configured
in a 10x10 matrix [39]; (c) Various types of Michigan probes manufactured by
NeuroNexus, showing the wide range of available geometries [40]; (d) Example
of multi-channel polymer-based microelectrodes from Neuralink [41].

nectors mounted on the outside of the head, with wires piercing the skin, skull, and dura.

Moreover, the implantation procedure requires a relatively high amount of force to push

the needles in the cortex and avoid tissue dimpling, and it is generally carried out using a

pneumatic insertion device [47]. This fact, together with the rigidity of UEA’s needles, is

one of the reasons why UEAs have shown significant tissue encapsulation when implanted

for long periods of time, with associated degrading in recording quality [48].

Michigan probes

Michigan-style probes (Figure 2.4c) are also silicon based but, unlike UEAs, they are pla-

nar devices built in a way that more similar to standard electronic ICs. Michigan probes

present one or multiple planar silicon shanks, on which the recording electrodes and metal

traces are patterned through lithography. This allows for very high density of recording

sites along the probe, with up to hundreds of channels, and a great freedom when de-

signing the probe layout, from one-dimensional to stacked 3D arrays [49]. Thanks to the

higher electrode density, Michigan probes are currently the implantable brain technology

that allows for the highest spatial resolution when recording or stimulating neural tissue.
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Moreover, while Utah arrays tend to have more standardized sizes and electrode arrange-

ments, the design of Michigan probes can be customized to a much higher degree: all the

design parameters, such as number and arrangement of recording sites, electrodes’ dimen-

sion and separation, can be fine tuned for the desired application, depending on the animal

and brain region to target, and the use of lithographic fabrication ensures good reliability.

One major advantage over Utah arrays, which have a single recording site on the tip of

each needle, is the possibility of interfacing with tissue at different depths. This allows to

reach the different layers of the brain cortex, providing a very valuable investigation tool

to scientists. Being fabricated on silicon substrates, Michigan probes are also more easily

integrated with the required electronics for signal conditioning and processing. Thanks to

these advantages and their high degree of customization, they have been widely adopted

in the research community for in vivo acute studies and applications.

The drawbacks of Michigan-style probes mainly arise from their thicker and stiffer shank,

in comparison to microwires, which causes a larger amount if tissue to be displaced and

damaged during insertion. Attempts at thinning the substrate have to face the higher

probability of probe fracture due to silicon rigidity [50]. They also tend to not sit flush

with the surface of the brain, contrary to Utah arrays, and the upside of hosting tens to

hundreds of electrodes is offset by the need for more wires and bulky connectors. This

increases their overall fragility and complicates their use in chronic applications, where

the dura and skull should be closed back after the implant insertion. These obstacles have

so far prevented the use of Michigan probes in chronic applications, although they remain

an extremely valuable research tool.

Polymer-based probes

Polymer-based cortical neural probes (Figure 2.4d) include a wide variety of designs, whose

common denominator is the idea of using flexible polymers as passive substrate, replacing

the silicon of previous examples. The main objective of such designs is to reduce the

mechanical mismatch between the implanted device and the surrounding tissue. These

benefits are balanced by additional challenges for the implantation, given the soft nature

of polymer probes that requires the help of stiffeners to avoid curling of the implant, as

well as a greater difficulty in targeting a specific area of the brain. Polymers also generally

suffer from poor chronic performances due to higher water absorption rates, dissolution,

and delamination [51]. Also the connection to the active electronics might present more

difficulties, given the profoundly different fabrication strategies for both components.

The research community continues to develop and present new and improved implants,

some of which are showing promising performances [52, 53], but the devices presented so

far are the most widely used. This highlights the intense research activity in the field

of BCIs, but also underlines the growing need for a reliable neural interface that could

successfully aim at medical applications.
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2.2.3. Challenges of chronic cortical implants

The implantation procedure of intracortical neural interfaces comes with all the risks

associated with intracranial brain surgery. In order to avoid multiple interventions for

replacing or remove the implantable devices, it is extremely important to design devices

in a way to ensure a long lasting and safe operation, with minimal side effects. To achieve

this, we first consider the major challenges faced by chronic implants. It is possible to

identify three main categories of device failure: biological, material, and mechanical [48].

Biological failures are linked to the modalities in which the tissue responds to the trauma

caused by the implant. This trauma provokes the foreign body response (FBR), an in-

flammatory reaction of the tissue to the presence of the implant. This triggers glial cells

proliferation in proximity of the implant, at a distance of about 20 to 10 µm which, over

time, can encapsulate the implanted device and displace it, as well as moving the neu-

rons away from the electrodes, reducing the recording performances [54]. The rupture of

blood vessels, and particularly the breach of the blood-brain barrier during implantation

has proven to worsen the severity of FBR [55], and specific tool to avoid breaking the

capillaries when inserting neural probes have been proposed [41]. The design parameters

that have a major impact on these circumstances are the size and shape of the implant,

together with its rigidity. Minimize the Young’s modulus mismatch between implant and

brain tissue has proven to have a great influence in reducing the symptoms of FBR. Using

materials that conform to the neural tissue also help in diminishing relative motion of the

implant with respect to the brain [56]. The implant materials in contact with the tissue

also need to be bio-compatible and not present any toxicity that might cause infection.

The presence of electronics embedded on the implant, or the use of wireless telemetry

methods, must also ensure that the power dissipated in the tissue is limited, and does not

cause a raise in tissue temperature higher than the consensus safety margin of 1 °C [57].

In the case of wired devices, other than the infection risks in proximity of the implant, it

is also essential to consider possible sources of infection from wires piercing the meninges

and the scalp. Finally, as stated previously, the insertion method plays an important role

and must be devised to cause minimal tissue damage.

Material failures include the deterioration in the materials of the implant, from the

metallization of the recording electrode, to cracks or delamination in the insulating en-

capsulation. Damage in the insulation close to the recording points usually leads to lower

electrode impedance, which in turn translates into smaller signal amplitude [48]. An

impermeable barrier is also required to prevent the fluids present in the body from en-

tering the cavities of the device that host moisture sensitive elements that could suffer

from corrosion. A breach in this barrier would not only cause implant deterioration, but

also expose the tissue to possible contamination and outgassing from non-biocompatible

materials used in the manufacturing of the implant.

Mechanical failures are associated to hardware damages that prevent data recording,
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such as implant displacement, failure of cables, connectors or feedthroughs, or even device

fracture. This factors are dependent once again from the materials and design of the

implant, and on the way the various part of the implanted device are fixated in place [58].

These various modalities of failure show the vast amount of design aspects to be taken

into account, and how each one of them impacts on the long term performances of an

implanted neural interface. Of particular importance is the packaging aspect: in order to

ensure a reliable operation, the choice of encapsulation materials and methods must be

carried out concurrently with the functional design of the implant, since design choices in

both domains heavily influence each other [59].

To deliver a successful chronic cortical interface, the target requirements remain safety,

stable and effective operation for years, suitable data telemetry and power management

(either using wireless power transfer or long-lasting batteries), and employment of external

elements that are robust and convenient [9].

2.2.4. Millimetre-scale distributed cortical implants

In the light of the issues presented in the previous section, the research community is very

actively exploring different approaches for the realization of chronic neural interfaces. Since

reduction in size has proven to be a fundamental aspect for better long-term performances,

the designs that propose extreme miniaturization of the implants are of particular interest.

While the methods for shrinking down the size of the implants can tap into the current

expertise of microfabrication processes, the miniaturization also causes new issues to arise.

In order to maintain a high channel count and retain the required resolution, a distributed

architecture is required: a neural interface composed of many identical small devices, each

one independent in its own functionality. This also leads to a different approach for power

delivery and data transmission to and from the implants: the presence of tens to hundreds

of devices prevents the use of wired connections, and a wireless strategy to transmit data

is required. Similarly, power must be provided to each separate implant, but at the

same time the miniaturization of the devices makes it difficult to use batteries to store

power on the individual implants. Therefore, power efficiency of the embedded electronics

becomes a crucial requirement. Moreover, the established fabrication methods for the

encapsulation layers and feedthroughs seen in section 2.1 become extremely challenging

on a sub-millimetre scale, and new strategies have to be investigated.

There are also further considerations to be made regarding the practical aspects of han-

dling and manipulating the devices in the surgical context. These aspects are too often

overlooked during the engineering design phase, but can be just as crucial as the perfor-

mance specifications of the implants for a successful clinical translation. Handling the

devices becomes increasingly hard for the surgeon when device dimensions scale down to

and below the millimetre scale, requiring the designers to develop ad hoc instrumentation

to facilitate the implantation procedure. Moreover, some degree of automation or robotic

assistance might be of great help given that the majority of the proposed distributed
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interfaces relies on the use of tens to hundreds of devices, which would made a manual

insertion procedure unfeasible.

Another aspect to consider is the possibility of explantation: what happens if there is

the need to remove part of the neural interface, or even all the implants? This operation

might prove challenging when in presence of a very high number of implants, scattered

on the surface of the brain. Currently proposed architectures have not provided specific

solutions for this problem. However, they all tackle long-term, chronically debilitating

conditions, and therefore should not be subject to frequent removal or replacement of the

implants. Moreover, a common objective across the various proposed types of distributed

interfaces, is to design the individual miniaturized implants to be non harmful to the

body even in case of functional failure. In such cases, the neural interface should be able

to determine which implants have lost functionality, and might therefore misbehave, and

then act accordingly, for example by halting the power delivery to those specific implants.

So far there has not been a definite solution to such issues, and various research groups

are experimenting with different architectures, both at device and at system level, to

deliver a scalable, chronic neural interface. We report here a few examples, to show the

current trends in the design of such systems (Figure 2.5). It is important to remind that,

in contrast with the devices presented in subsection 2.2.2 that are mostly well established

solutions in the research environment, these are experimental devices, currently under

research and development, and in most cases still at a proof of concept stage.

A first example of a distributed neural interface that employs a multitude of identi-

cal, miniaturized implants is the concept called neural dust, developed by Prof. Michel

Maharbiz and Prof. Jose Carmena’s team at UC Berkeley (Figure 2.5a). The system is

composed of tens to hundreds of grain-sized sensors, each having a recording and a refer-

ence electrode. These sensors also host an ASIC for data acquisition and conditioning, and

a piezoelectric element, to allow for ultrasonic data transmission and power delivery to and

from a sub-dural transceiver [60]. The use of ultrasound is motivated by the fact that it

has considerably smaller losses in soft biological tissue compared to electromagnetic waves,

and its lower propagation speed causes ultrasonic waves to have shorter wavelengths at low

frequencies, which in turn allows for the miniaturization of piezoelectric components. On

the downside, ultrasound has in general a lower short-range transfer efficiency compared

to wireless electromagnetic solutions, and is greatly attenuated by rigid bone tissue. This

last consideration explains why the first applications of neural dust are focusing on the

recording from the PNS, where the neural tissue is not enclosed by the skull [63]. From the

point of view of the encapsulation, the millimetre-sized implants rely only on a polymer

layer, and long-term studies have not yet been reported.

Another approach can be found in the work carried out at Georgia Institute of Tech-

nology by Prof. Maysam Ghovanloo’s team (Figure 2.5b). They propose a distributed

intracortical interface, where each implant uses a tungsten microwire for brain activity
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Figure 2.5.: Examples of current strategies for the realization of next-generation cortical
neural interfaces: (a) Neural dust concept operating with ultrasonic power
and data delivery (adapted from [60]); (b) GeorgiaTech architecture using
microwire-based intracortical probes with wire wounded coils for telemetry
and polymer encapsulation (adapted from [61]); (c) Array of neurograins
with sub-millimetre on chip coils for RF data transfer and ALD encapsulation
(adapted from [62]).

recording. The wire is bonded to a passive silicon die, and a copper coil is winded around

the die to act as an antenna for data and power transfer. The encapsulation of the implant

is made by coating the implant with a first layer of Parylene-C and an external layer of

PDMS. The telemetry strategy employs a subdural resonator to act as middle element

between the single implants and an external transceiver [61]. In vitro testing has proven
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the robustness of the wireless link, but so far limited to the communication with a single

recording device [64].

A further example is the one called neurograins, proposed by Prof. Arto Nurmikko’s

group at Brown University (Figure 2.5c). It too consists of a number of sub-millimetre

implants placed on the brain cortex, with both recording and micro stimulation capabilities

[65]. The implants are composed of single CMOS dies, sealed using multiple atomic layer

deposition (ALD) coatings that provide hermeticity while keeping the overall volume to a

minimum [62]. Data communication and power transfer is achieved using RF telemetry,

with each implant having an on-chip micro-coil coupled to an external skin patch antenna,

with the link being enhanced by an intermediate relay coil. This system architecture has

been validated in bench top experiments, but so far has not been demonstrated in a in

vivo setting.

The ENGINI concept

The research work presented in this thesis has been carried out as part of the EPSRC

funded ENGINI project (Empowering Next Generation Implantable Neural Interfaces).

Building upon the current trends for implantable interfaces, it proposes a new concept

for chronic intracortical recording systems. The architecture of the system, reported in

Figure 2.6a, is based on the following concepts:

• The use of a scalable, distributed interface, composed of tens to hundreds inde-

pendent millimetre-sized, freely floating implants (Figure 2.6b). Each implant is

equipped with microwire electrodes for recording from multiple intracortical sites,

as well as a custom ASIC to perform on-board data conditioning and processing, in

order to optimize data transmission. The implants are independent from each other

and can be individually addressed and enabled, to allow maximum flexibility of the

interface.

• A fully wireless design, necessary to avoid wired connections across the dura and

across the skin, which are a main cause of infection. However, the use of full wire-

less transmission for both power and data poses a new set of design challenges. In

particular, the communication between the individual implants and an external unit

that lies on the patient’s scalp has to overcome the considerable distance (at least at

this scale) of a few centimeters of different tissues, including dura, bone, and skin.

These tissues also absorb most of the power transmitted, thus decreasing consid-

erably the efficiency of the inductive link. However, arbitrarily raising the power

transmitted is not a viable solution, since strict safety limits on the amount of power

that can be delivered through tissue have been established by regulatory bodies.

The solution proposed within the ENGINI project is to split the inductive link from

the outside device to the cortical implants into two, shorter links, by means of an

intermediate stage. The result is the three-tier architecture shown in Figure 2.6a.
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Figure 2.6.: Concept illustration of the ENGINI system and its elements: (a) The three-tier
wireless network allows for data telemetry and power delivery while avoiding
wired feedthroughs; (b) The independent, mm-sized implants, with microwires
for intracortical recording and hermetic package. (c) The external unit that
wirelessly couples with the implanted coil for power and data communication.

Power is delivered to each individual implant by an external, battery powered unit

(Figure 2.6c) inductively coupled to an intra-cranial resonator coil, which allows for

the addressing of single implants. The neural data recorded from the probes follows

the reverse path, and is collected by the external unit for further application specific

processing. The middle resonator helps by bridging the distance caused by the skull

thickness, and could ideally be embedded into a custom manufactured portion of

artificial bone, used during surgery to close the craniotomy.

• A strong emphasis on chronic clinical applications. In particular, the use of CMOS

compatible micro-packaging techniques to achieve hermeticity for long-term relia-

bility, while at the same time maintaining a high fabrication yield. The on-probe

active circuitry is encapsulated in a hermetic cavity, which guarantees a higher level

of protection when compared to the adoption of only polymer encapsulation.

The ENGINI system currently targets the recording of LFPs from the motor cortex,

with applications for restoring movement in paralysed patients or to give control over

artificial prostheses. Like the other solutions presented in this section, the concept is

an ongoing research project, subject to modifications, and various design iterations are

required in order to achieve the desired system.

2.3. Summary

This chapter has given an overview of implantable medical devices and their design chal-

lenges, from successful clinical solutions to the latest developments in brain implants.
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It is clear how interfacing with the nervous system, and in particular the CNS, raises

many challenging questions. In particular, given the characteristics of the various bio-

electrical signals that can be recorded from the brain, a choice must be made between

spatio-temporal resolution and invasiveness. For applications that require the extraction

of detailed brain activity, down to single cell behavior, the only option at the moment is

the use of invasive systems. While these solutions are currently adopted in the research

environment, and have proven extremely useful in advancing our knowledge of the brain,

they do not seem to easily translate into effective clinical tools.

In recent years, different research groups have proposed novel solutions, which share a

common feature dictated by the need for chronic systems: the use of distributed interfaces,

composed by many identical miniaturized implants to maintain a high spatial resolution

while avoiding bulky, monolithic solutions. This paradigm promises to bridge the existing

gap between research tools and clinical devices, but also faces new challenges, in particular

on the aspect of fabrication, where the usual techniques for IMDs packaging can no longer

be applied.

In the next chapter we will focus on the issue of hermeticity of millimetre-scale implants,

and how to monitor the encapsulation status of micro-packages over time. A in situ

sensor for relative humidity measuring is proposed, together with a testing platform for

hermeticity monitoring.
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3. Humidity Sensing for Monitoring

Micro-Package Integrity

Among the various challenges associated with the design and fabrication of chronic im-

plantable devices outlined in the previous chapter, the issue of long-term reliability of the

implants is of major importance. In particular, for active implants that host electronic

circuitry, it is essential to guarantee a barrier between the electronic components and the

body environment, which is rich in water that can cause material corrosion, leading to de-

vice failure. Such humidity induced corrosion has proven to be a major factor in electronic

failures [1].

In this chapter we present a brief review of test methods used to assess the hermeticity

of micro-packages, with a particular focus on the method of humidity testing for the long-

term monitoring of encapsulation. The design of a sub-millimetre custom humidity sensor

is then proposed and discussed, together with the work towards the realization of a bench

top wireless platform for package integrity testing.

3.1. Test methods for micro-package hermeticity

The possibility to produce hermetic packaging for electronic devices has proven to be

critical in many applications, both in the medical field as well as for mass production

consumer electronics. Many of the MEMS devices that are nowadays integrated in the

devices we use everyday — such as accelerometers, gyroscopes, and pressure sensors —

require an hermetic package in order to remain functional over time. However, the level

of reliability required from these commercial devices does not generally compare with the

extremely strict constraints imposed on devices targeted at medical applications, and more

specifically implantable devices.

To meet such requirements, and to provide accurate ways to evaluate the hermeticity of

micro-packages, many dedicated test procedures have been proposed. The most common

reference for these procedures is the military standard MIL-STD-883, Method 1014.10,

developed by the US Department of Defence, which details different methods to determine

seal effectiveness in microcircuits [2]. The first of such methods, and most commonly

employed across industry, is the helium fine leak test, which in its standard form is carried

The thinning of the Sensirion SHTW2 was carried out by Ms Rachael Savidis from Newcastle University.
The work presented in subsection 3.4.1 has been the subject of two MSc students’ theses and one BSc
thesis.
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out as follows: the packaged device to be tested is placed in a sealed chamber which is

then filled with pressurized helium. In this way, if one or multiple cracks are present in

the micro-package, helium will be able to infiltrate it and fill the cavity. After a specific

amount of time, dependent on the size of the internal cavity of the device under test, the

device is transferred to a leak detector, where a purposely calibrated mass spectrometer

is used to measure the amount of helium particles that escape through the crack. The use

of helium as a tracer gas is justified by the fact that it is able to rapidly penetrate into

small gaps. Moreover, it is chemically inert, non-toxic, and only present in the atmosphere

in small quantities (about 5ppm). There are different ways to define the leak rate, but

generally it is expressed in terms of variation in the pressure of the device under test:

LR = −V dP
dt

where V is the internal volume of the tested device, P its internal pressure, and LR the

leak rate. In the military standard mentioned above, the leak rates are expressed with

the units atm cm3/s. The limit of detection for the fine helium leak test is usually around

10−10 atm cm3/s, and therefore not suitable for cavities with a volume smaller than tens

of mm3 [3].

A variation of the fine leak test is the cumulative helium leak detection (CHLD). By

combining mass spectrometry with the use of cryogenic ultra-high vacuum to evacuate the

chamber where the device under test is being measured, this method can allegedly decrease

the detection limit down to 3× 10−13 atm cm3/s [4], but still not sufficiently stringent for

small volume applications.

There exist variations of the leak test based on the use of different tracer gases other

than helium, which all share a similar working principle. For example the radioisotope

fine leak test, which uses a radioactive tracer gas to enhance the detection capabilities.

However, the use of such substance can lead to safety risk, especially if used for medical

devices [5].

Another category of hermeticity tests is composed of optical leak tests. These experi-

ments rely on physical deformations of the micro-package when it is placed in a chamber

with a pressure significantly different from the one inside the cavity of the device. The

deflection can then be measured with an optical interferometer, and its variation over

time gives an indication of the leak magnitude. This test is very dependent on the size of

the device, and the thickness and stiffness of its materials, but, as an advantage, can be

performed at wafer level [6].

Optical spectrometry methods such as Fourier Transmission Infrared Spectrometry

(FTIR) and Raman spectroscopy tests rely on the optical absorption properties of gases

to measure concentrations. The devices under test are packaged in a specific atmosphere

(for example N2O, SF6, HCl), and a spectrometer measures over time the amount of gas

still present inside the cavity. Note that in order to apply these tests the micro-package
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Table 3.1.: Main hermeticity testing methods for small packages

Method
Min. measurable

leak rate
(atm cm3/s)

Advantages Limitations

Helium
fine leak

1× 10−10 • Standardized test
• Non-destructive

• Not suitable for glass
and polymers (helium
diffuses through these
materials)
• Sensitivity issues
for small volumes
• No outgassing
measurement

CHLD 3× 10−13 • Standardized test
• Non-destructive
• Full leak range
measurable

• Sensitivity issues for
small volumes and vac-
uum applications
• No outgassing
measurement
• Bomb required, po-
tentially undetectable
one-way leak

Radioisotope
fine leak

1× 10−12 • Standardized test • Can be destructive
for small structures
• Sensitivity issues
for small volumes and
vacuum applications
• No outgassing
measurement

Optical leak 1× 10−10 • Standardized test
• Non-destructive
• No bombing
required

• Need flexible lid
• Sensitivity issues
for most applications
• No outgassing
measurement

FTIR 1× 10−12 • Non-destructive
• No issues with
surface sorption

• Not standardized
• IR transparent
lid required
• No outgassing
measurement

Raman
spectroscopy

Under study • Non-destructive
• No issues with
surface sorption
• No bombing
required

• Not standardized
• Transparent cap
and reflective surface
required
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Table 3.1: Main hermeticity testing methods for small packages (continued)

Method
Min. measurable

leak rate
(atm cm3/s)

Advantages Limitations

Copper
test structures

5× 10−16 • Non-destructive
• No issues with
surface sorption
• Not volume
dependent

• Transparent lid
required
• One-time test
• Long test duration
• Only oxidation
measurement

Q-factor
sensors

1× 10−14 • Non-destructive
• No issues with
surface sorption
• Not volume
dependent
• Long-term
monitoring

• Free standing inter-
nal structure required

In situ
pressure or
humidity
sensors

1× 10−15 • Non-destructive
• No issues with
surface sorption
• Not volume
dependent
• Long-term
monitoring
• Electrical measure-
ment

• Addition internal
structure required

(Data presented in the table reported from [4])

must be transparent to the specific wavelengths used by each technique.

A different approach is the one followed by in situ tests, which use specific structures

built inside the micro-package to monitor hermeticity. For example, copper test structures

that oxidise in presence of moisture can be placed inside the cavity, providing a one-off

test for the quality of the hermetic seal. Also free standing structures such as resonators

or cantilevers can indicate an alteration of the pressure inside the cavity by mean of a shift

in their Q-factor. Another alternative is the use of built-in sensors to monitor quantities

such as pressure or humidity, and infer the hermeticity status of the device under test

from their readings. Such sensors have reported leak rates as low as 10−15 atm cm3/s [4].

The various leak test methods just discussed are reported in Table 3.1, with a summary

of their major advantages and drawbacks. It is worth noting that the majority of the

above mentioned hermeticity tests provide one-off measurements and can not be executed

once the device is in place for use, with a few of them even being destructive. Moreover,

with the shrinking in device dimensions, many of them do not offer the sufficient resolution
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for sub-millimetre cavities [7]. In situ methods have proven to have the highest sensitivity

for the detection of leaks as well as the presence of out-gassing products from within the

device [8]. They also allow to monitor the quality of encapsulation during device opera-

tion, and can be indicators of device failure throughout its lifetime, which can be crucial

in critical applications such as neural implantable devices. However, being embedded in-

side the implant, the design of such in situ solutions is also severely constrained by the

available volume. Humidity sensors have been investigated for this purpose [9], but at the

moment no proposed implementation has been successfully integrated in a micro-package

for integrity monitoring.

3.2. Humidity monitoring

Before describing the current available solutions for testing humidity, it is necessary to

define what humidity is and what units are used to measure it. Humidity is defined as the

amount of water vapour in a gas, usually air. Therefore, it is intrinsically a measurement

of particle concentration. The most direct way to count these molecules is to define

the absolute humidity (AH) in term of the amount of water molecules per given volume

considered:

AH =
mH2O

V

where mH2O is the total mass of water vapour molecules. The measured value of AH

however also depends from temperature and pressure, and therefore it is usually unsuitable

for calculations in phenomena that experience changes in these quantities.

To solve this issue, relative humidity (RH) is introduced. Instead of directly measuring

the quantity of water vapour present in the air, RH expresses the amount of water vapour

relative to the maximum amount of water vapour that the considered volume can contain.

It is defined according to the following formula:

RH =
pH2O

p∗H2O

where two elements of the fraction are respectively:

• pH2O is the partial pressure of water vapour, which is the pressure that the water

particles would have if the given volume would be occupied only by them;

• p∗H2O
is the equilibrium vapour pressure of water, which is the pressure of water

vapour when in thermodynamic equilibrium with its condensed liquid phase at a

given temperature in a closed system.

Following from the definition, relative humidity values are dimensionless, and are usually

expressed as percentages. This quantity is widely used in the meteorological field as well as

in climate control applications, for its close relation to how humans perceive temperature

and heat.
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3.2.1. Devices for sensing humidity

Humidity measurements have proven to be extremely useful in a wide variety of appli-

cations, from the industrial field to the medical one, as well as the consumer electronic

market. To meet this need, many types of sensing devices have been developed, with dif-

ferent devices tailored to specific applications or environments. The recent trend for smart

consumer appliances and connected IoT devices has pushed even more for the realization

of low power and low cost sensors.

A device that measures humidity is referred to as an hygrometer. As mentioned in

the previous section, RH measurements are usually preferred to AH ones, and therefore

the majority of hygrometers that have been designed target RH. Also, measuring RH is

in general simpler, and thus the sensors are easier to fabricate and more cost-effective.

However, AH sensors are still used in certain applications, like high-temperature settings

or applications that require high-precision, and as primary sensors for the calibration of

RH ones [10].

In general, the operation of a humidity sensor is based on the interaction between the

water vapour molecules present in the air and the transducer. Depending on the different

ways in which such transducer reacts to the water molecules, we can identify different

types of hygrometers. One example is the category of gravimetric sensors, devices that ex-

ploit the change in the mass of a resonating device caused by moisture absorption. These

sensors usually show great sensitivity and short response time, but the advantages are

counterbalanced by the complexity in the fabrication of such micro-structures [11]. Ther-

mal conductivity sensors, a type of AH sensors which employ two matched thermistors,

one sealed in an hermetic chamber and the other exposed to the air, to differentially sense

the variation of thermal conductivity between dry and humid air. However, in order to do

so, the temperature of the thermistors is increased by resistive heating (usually ≥ 250 °C),

making them unsuitable for very low power applications [12]. Another class of sensors

is the one of chilled mirror optical humidity sensors. They rely on the changes in the

reflectance of a micro-mirror that occur when it is fogged by the accumulation of mois-

ture on its surface. This change is then sensed with a photodetector. These sensors have

proven to show very high accuracy, together with the ability to operate without suffering

interference from other electronic devices, but again in exchange for a greater complexity

and cost of fabrication [13].

The sensing devices cited so far can all achieve very high accuracy, usually within the

±0.1 % RH margin [13]. However this accuracy is obtained with more complex and delicate

structures, and cannot be easily and effectively integrated within an implantable device.

For this specific application there is the significant need to minimize complexity, footprint,

and power consumption, even at the expenses of resolution and sensitivity.

The most common types of integrated humidity sensors, for their simplicity and cost-

effectiveness, are resistive and capacitive RH sensors (the latters approximately account
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for 75% of commercially available humidity sensors [14]), which share a common structure:

a moisture sensitive layer deposited between two metal electrodes. When exposed to the

environment, the moisture present in the air accumulates and diffuses into the sensing

layer, altering its physical properties. These modifications are translated into an electrical

quantity that can be measured and conditioned according to the specific operation of

the sensor. For resistive RH sensors, the change in electrical conductivity of the sensing

layer is measured: the DC current flowing through the electrodes is proportional to such

conductivity, and therefore to humidity. Capacitive RH sensors measure the change in the

permittivity of the material of the sensing layer, which changes the total capacitance of

the system. In general, capacitive RH sensors show a better accuracy and repeatability

when compared to resistive sensors, as well as having a more linear response to changes

in RH [15].

The accuracy of resistive and capacitive RH sensors can vary quite significantly depend-

ing on the hydrophilic properties of the material used as sensitive layer, but in general it

is in the order of magnitude of ±1 % RH (in the range from 10 % to 90 % RH), which is an

acceptable value for the application of micro-packages hermeticity monitoring. Also, the

use of a moisture sensitive layer allows for monitoring the presence of water in both liquid

and vapour states, which is a relevant feature since the breakage of the micro-package

could cause the presence of either one inside the cavity. Another further aspect to con-

sider is the phenomenon of hysteresis, which is more present in these kinds of sensors,

compared to the previously cited more accurate solutions, due to the rate at which the

sensing layer absorbs and releases water molecules. However, for the desired application

of hermeticity monitoring, it is not expected to have multiple cycles of absorption and

desorption of water within the sensor, but a single ascending monotonic curve that starts

in the presence of a leak in the encapsulation.

Integrated capacitive RH sensors

There exist mainly two types of established designs for integrated capacitive RH sensors.

The first one (Figure 3.1a) is composed of two parallel metal electrodes, with the sensing

layer sandwiched in between them acting as a dielectric. The top metal plate is slotted, and

also often made of vapor-permeable thin metal films, to allow moisture to penetrate into

the sensing layer [15]. This configuration allows for an easier evaluation of the values of

capacitance, thanks to the parallel plate geometry, but requires a few extra post-processing

steps compared to a standard CMOS fabrication. Also the presence of the top metal

inhibits full absorption of moisture in from the sensing layer.

The second configuration, the most common one, is the interdigitated capacitor (IDC)

layout: two co-planar comb-shaped electrodes face each other to form the capacitor, and

the sensing layer is deposited on top of them (Figure 3.1b). Since the electrodes belong to

the same metal layer, this topology only requires one extra deposition step for the sensing

layer of choice to complete the fabrication process. The sensing layer is fully exposed to
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Figure 3.1.: Diagrams of the two main configurations for integrated capacitive humidity
sensors: (a) Parallel plate configuration, with sensing layer between two planar
metal electrodes; (b) Interdigitated configuration, where the sensing layer is
deposited on top of two comb electrodes.

maximize moisture intake, however, given the same area, the overall value of capacitance

is now smaller when compared to the parallel configuration. Also the analytical evaluation

of the total capacitance becomes more challenging, as usual expressions for parallel plate

capacitors cannot be used in the IDC case.

Thanks to their ease of fabrication, multiple designs of RH sensors based on inter-

digitated capacitors have been proposed [16, 17, 18]. When extreme miniaturization or

performances are not required, their simple structure makes them also adapt for rapid

and very low cost fabrication techniques, such as ink-jet printing [19]. Modifications of

the classic IDC structure have also been explored, such as serpentine [20] or spiral designs

[21], but they have not shown considerable improvements in sensor resolution or accuracy

compared to the standard IDC topology.

In these types of integrated devices, it is evident how the choice of material used as

sensing layer is of great importance for the overall performance of the sensor. Ideally, the

sensitive layer should also respond linearly to changes in humidity, with minimal hysteresis

when absorbing and desorbing moisture, as well as a high stability with minimal drift over

time. For this reason, a large variety of materials have been tested to increase water

absorption for an enhanced sensitivity.

A common category of materials for generic gas sensors are metal oxides, however their

capillary condensation and high surface-to-volume ratio do not allow for fast desorption

of moisture and can cause significant hysteresis [22]. Porous ceramic materials, such as

Al2O3, TiO2, and SiO2, have also been successfully used. Blank et al. [23] give an extensive

review on performance of numerous oxides, concluding that more progress is necessary in

order to achieve sensors that might offer small manufacturing costs, low-power operation,

and low maintenance. The use of carbon nanotubes has also been explored, producing

very fast response time sensors, but again at the expense of a more complex fabrication

method and high manufacturing costs [24].

Polymer-based solutions have been implemented for their numerous advantages: in gen-

eral they show fast moisture absorption and desorption times, as well as a low hysteresis
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when cycling between these two states. Also polymers (and in particular polyimides) can

usually be easily integrated in electronic fabrication processes thanks to their compatibil-

ity with standard IC manufacturing techniques, and are very cost-effective compared to

ceramics or other compound materials [25]. It is also possible to pattern polyimides to

alter their surface characteristics to try to improve their moisture intake capabilities, for

example by augmenting their surface to volume ratio [16].

Together with the type of transducer and the choice of sensing materials, an important

part is also played by the readout circuit, which is responsible for converting the variable

value of capacitance into an output signal. The two main categories of sensing circuits

for capacitive sensors are charge-based and frequency-based topologies. Charge-based

approaches operate by charging and discharging the sensing capacitor, and then measuring

the amount of time required for the operation, or integrating the total amount of charge

exchanged (using charge amplifiers) [26]. Frequency-based methods exploits the variation

in the capacitance of the sensing element to modify the oscillation frequency of a resonant

circuit, which is then measured and correlated to the value of humidity [27].

3.3. Sensor design

From the review of the current methods for hermeticity monitoring and the various types

of humidity sensors exposed in the previous sections, it is possible to justify the need for

a device for the detection of moisture ingress in neural implantable devices. The design

of the proposed sensor has been carried out following these specific requirements:

• The sensor must be able to measure relative humidity in the range of 10 % to 90 %

RH, with a desired accuracy of ±2 % RH. This value of accuracy is a reasonable

objective, although it might be challenging to reach given the strict constraints on

the size of the sensor.

• The overall area of the sensor must be minimized, in order to allow for the integration

of the sensor inside the cavity of millimetre-sized implantable devices.

• The amount of total power available in such implants is very limited, and therefore

sensor power consumption should be kept to a minimum, in order to leave the largest

portion of the power budget for the processing and transmission of neural data.

• The fabrication of the sensor should be compatible with standard CMOS produc-

tion methods, avoiding very high temperature processes, and require minimal post-

processing, for an ease of integration within the implant and a high fabrication yield.

Following from these constraints, we decide to use a capacitive interdigitated polyimide

based RH sensor, as it presents the following advantages: it has a small footprint, opti-

mizing the area for such low-scale applications; it does not require a DC current to bias
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the sensor, providing a low-power solution for humidity sensing; it is fully compatible with

standard CMOS fabrication, and only requires the deposition of the polyimide sensing

layer as an extra process step, simplifying the fabrication and reducing costs; capacitors

are amongst the most reliable electronic components in current micro-technology fabrica-

tion processes.

For the design process of the sensor, numerical simulations have been carried out us-

ing MATLAB (The MathWorks, Inc., USA) and COMSOL Multiphysics (COMSOL AB,

Sweden). The circuit layout of the sensor has been designed using the CADENCE Virtu-

oso development environment (Cadence Design Systems, Inc., USA), and a prototype has

been fabricated in a four metal 0.35 µm CMOS process provided by Ams AG.

3.3.1. IDC mathematical model

In order to design a capacitive sensor based on an interdigitated structure, an analytical

model is required. This would allow for the estimation of the value of capacitance, which

is essential to optimize the geometrical parameters of the IDC structure, and to design a

suitable readout circuit. Also, since one of the objectives is to minimize the area occupied

by the sensor, the analytical results would indicate the lower dimensional limit at which the

IDC can still be used to reliably measure RH, and validate the feasibility of a micro-sized

sensor.

The main geometrical parameters to be determined when designing an IDC are shown

in Figure 3.2a. They are the overlapping finger length L, the finger width W , the gap

between the fingers G, and the total number of fingers N . It is also useful to define two

additional parameters:

λ = 2 · (W +G) η =
W

W +G
=

2W

λ

where λ is called spatial wavelength, since it represents the periodicity of the IDC structure,

and the adimensional parameter η is called metallization ratio, the equivalent of a duty

W G λ

L

(a)

+ −

+ −

+ −

(b)

Figure 3.2.: Tools for the analysis of an interdigitated structure: (a) The main geometrical
design parameters of an IDC; (b) Graphical representation of the geometric
transformation from parallel plate capacitor to IDC.

58



 CE 

 +V

 CI  CI 

 −V

 CI  CI 

 −V

 CI  CI 

 +V

 CI  CI 

 +V

 CE 

 −V

 CI/2  CI/2  CI/2  CECI/(CE+CI) CECI/(CE+CI)

 2CECI/(CE+CI) + 3CI/2

Figure 3.3.: Equivalent circuit of an IDC with six electrodes. The dotted lines represent
the equipotential virtual ground planes (figure adapted from [28]).

cycle with respect to the alternation of metal fingers and gaps [28].

Unfortunately, there is no simple analytical expression to estimate the capacitance value

of an IDC from these parameters. One way to tackle this problem is to use as a starting

point the well known expression for the capacitance of a parallel plate capacitor:

C = ε
A

d

where ε is the permittivity of the dielectric between the electrodes, A is the area of the

capacitor, and d the distance between the metal plates. Using a specific geometrical trans-

formation, it is possible to derive an expression for the case of a capacitor with two coplanar

electrodes. This transformation, whose visual representation is shown in Figure 3.2b, takes

advantage of the mathematical tools called conformal maps. These maps are functions

typically used in complex analysis that allow to perform coordinate transformations while

locally preserving angles. Such property is essential in this application, since it allows for

the preservation of the electric field lines distribution [29].

Thanks to the periodicity of the IDC structure, the application of conformal maps

can be extended to a capacitor with any number of fingers N . In fact, it is possible to

approximate the total capacitance of the IDC as the sum of the individual contributions

of contiguous fingers, as shown in Figure 3.3, obtaining the following result:

CIDC = (N − 3)
CI
2

+ 2
CICE
CI + CE

for N > 3

where CI is the capacitance between internal fingers and CE represents the contribution of

outer fingers [28]. The formula relies on the assumption that the electric field is uniformly

distributed in the space between the electrodes. This means that the potential measured

along the perpendicular planes lying between the fingers is zero, since it is exactly halfway

between +V and −V. This is true in the case of an ideal structure that is infinitely

periodic, but for a real finite IDC an error will be introduced, particularly on the edges of

the capacitor. However, for the considered application this error can be neglected, since

we expect most of the electric field to be confined in the inner region of the IDC.

There is one more factor to consider, other than the use of conformal maps, in order
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Figure 3.4.: Partial capacitance method used to separate the contributions of different
dielectric layers over an interdigitated capacitor (figure adapted from [28]).

to obtain the expressions of CI and CE . Since the thickness of the polyimide sensitive

layer is finite, part of the electric field generated by the charged IDC can extend beyond

it and through the layer of air above, thus passing through two materials with different

dielectric constants. To account for this circumstance, the partial capacitance method

is used within the equations of the conformal mapping transformations. The concept

behind this method, reported in Figure 3.4, is to split the various contributions of different

dielectric layers stacked over the capacitive structure [28].

To summarize, the analytical derivation for the value of the IDC capacitance follows

these principles:

• CIDC is expressed as a function of the terms CI and CE by exploiting the periodicity

of the IDC structure.

• The expressions for CI and CE as functions of the IDC geometrical parameters λ

and η (and therefore W ang G) are calculated applying the conformal mapping

transformations, using the formula for a parallel plate capacitor as a starting point.

• The formula for the partial capacitance method is embedded within the conformal

mapping transformations, to account for the finite height of the polyimide sensing

layer.

The full mathematical derivation, which is rather lengthy, is reported in [28]. This

analytical model is then reproduced in Matlab, to create a software tool able to maximize

the sensor capacitance by finding the optimal values for the geometrical design parameters

of the IDC. A screenshot of the main window of the Matlab application is reported in

Figure 3.5. Here it is possible to enter the technological constraints and parameters given

by CMOS process of choice for the sensor fabrication, together with the outer dimensions

(total width and total length) of the sensor. The application can then compute the values of

λ and η that maximize the IDC capacitance. It can also produce a CADENCE compatible

script to automatically generate the sensor geometry, to speed up the layout phase when

doing the CMOS design of the sensor.

The results obtained using the Matlab application show that the value of IDC capac-

itance is maximum when the spatial wavelength λ is minimized, while at the same time

a high metallization ratio η is maintained. This is in accordance with the findings from

similar works based on the same mathematical model [28, 30]. Therefore, to achieve the
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Figure 3.5.: Screenshot of the Matlab application for the optimization of the IDC geomet-
rical parameters.

minimum λ, the values of W and G are selected as the minimum values allowed by the

CMOS technology of choice. In our case, this gives W = 2.5 µm and G = 2 µm respec-

tively. The thickness of the metal electrodes is fixed by the technology. In this case the

CMOS process chosen offers a thick top metal layer, which has an average thickness of

2.8 µm. The total number of fingers N of the IDC is automatically determined once the

overall sensor dimensions and the values of W and G are fixed.

Having established the various design parameters, and since we are interested in how

small the IDC can be designed while maintaining good humidity sensing capabilities, we

initially select three different IDC sizes to be fabricated (in accordance with the silicon

area available for the project): 100× 100 µm2, 300× 300 µm2, and 1000× 1000 µm2.

3.3.2. Numerical simulations

The analytical model has allowed us to fix the geometric parameters of the IDC. To confirm

the results and obtain a numerical estimate of the capacitance of the IDCs of different sizes,

we perform an analysis using finite element methods (FEM) on COMSOL Multiphysics.
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Figure 3.6.: The COMSOL model of the 100× 100 µm2 IDC structure shows the confine-
ment of the electric field between the capacitor finger electrodes.

Table 3.2.: Simulation results for the capacitance of a 100× 100 µm2 IDC with and without
Si3N4 passivation layer.

Passivation W (µm) G (µm) λ η Cdry (fF) Cwet (fF) α

Yes 2.5 2 9 0.556 165.55 166.32 0.46 %
No 2.5 2 9 0.556 141.83 176.16 21.60 %

FEM has proven to be a reliable method to validate the mathematical models presented

above [31].

The objective of these simulations is to evaluate the effect of the humidity on the change

in value of the IDC’s capacitance, which is represented by the change in the value of the

polyimide’s dielectric constant. To model the variation of the dielectric constant of the

sensing layer due to water vapour absorption, the Looyenga equation has been used [32]:

εwet =
(
γ
(
ε
1/3
water − ε

1/3
dry

)
+ ε

1/3
dry

)3

where εdry is the dielectric constants of dry polyimide, εwater is the dielectric constant of

water, and γ is the fractional volume of water absorbed by the polyimide layer. This is an

empirical equation that has been widely used in the literature for such scope [14, 33]. The

resulting values of the dielectric constant (εdry = 3.35 at 0 % RH and εwet = 4.35 at 100 %

RH) have been used in the numerical simulations to estimate the changes in capacitance

between a sensor exposed to 0 % RH and one exposed to 100 % RH.

The model (see Figure 3.6) is composed of a SiO2 substrate, the two metal electrodes on

top of it, the Si3N4 passivation layer that covers the electrodes, and the polyimide sensing

layer. A volume of air around the structure is also used as simulation boundary.
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Table 3.3.: Results of the numerical simulations for the three test IDC structures.

IDC dimensions Number of Cdry (pF) Cwet (pF) ∆C (pF) α
(µm) electrode fingers

304x300 68 1.3836 1.7202 0.3366 21.69 %
493x720 110 5.4640 6.7895 1.3255 21.63 %
925x930 206 13.155 16.348 3.1930 21.66 %

To evaluate the sensitivity of the sensors it is useful to introduce the full-scale deviation

as a figure of merit:

α =
Cwet − Cdry

CM
where CM =

Cwet + Cdry
2

The simulation has been set up biasing the capacitor with a 1V voltage difference

between the two electrodes, and the fringing capacitance through the underneath layer of

oxide have also been considered. A first simulation showed an extremely low α (Table 3.2),

due to the fact that the silicon nitride passivation layer occupies most of the space between

the electrodes, where the majority of the electric field is concentrated, while leaving the

sensing layer only on top. A second simulation has been then performed without the

passivation, and the value of α was greatly increased.

It is then evident that the presence of the passivation compromises the function of the

device. It is definitively much more desirable to have as much moisture sensitive material

as possible between the electrodes of the capacitor. Therefore, during the circuit design

phase, passivation openings will be defined on top of the sensitive areas, to avoid the

deposition of silicon nitride from the manufacturer.

Another useful information can be obtained from the values of Table 3.2: even in the

case where the passivation is absent, the total capacitance variation over the full range of

humidity (0 % to 100 %) is about 34 fF, giving a sensitivity of 0.34 fF per 1 % increment

in RH. Such capacitance values are very small to be reliably sensed. The 100× 100 µm2

IDC design is therefore discarded. The three test designs have been updated with the

following dimensions: 300× 300 µm2, 600× 600 µm2, and 1000× 1000 µm2. However, for

space constraints after the layout of the circuit, the real dimensions have been slightly

adjusted. Their final dimensions, together with the simulated capacitance values, are

reported in Table 3.3. The finger width and spacing are kept constant, and equal to the

ones reported in Table 3.2.

3.3.3. Circuit architecture

Once the geometry of the IDCs is established, a suitable readout circuit is needed to com-

plete the humidity sensor architecture. The chosen design is an analog switched capacitor

based capacitance-to-voltage converter. This topology is fairly common as sensing circuit
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Figure 3.7.: Schematic of the switched capacitor capacitance-to-voltage converter used for
the readout of each RH sensor. The area highlighted in orange represent the
real IDC capacitance, composed of the ideal IDC together with the parasitic
capacitances between the comb electrodes and the substrate. The SR-latch
circuit used for generating the non-overlapping clock signals is shown in the
grey box.

for capacitive sensors, and it is chosen here for its ability to minimize the contribution

of parasitic capacitances [34]. In fact, since the IDC is composed of large metal surfaces

that span over a broad area of the CMOS die, the amount of parasitic capacitance will be

significant. If specific measures to reduce these parasitics are not taken, it becomes very

challenging to achieve the required sensitivity which, according to the simulation results

reported in subsection 3.3.2, is in the order of tens of fF. A further advantage of this

configuration is the very low static power consumption, which is desired when used within

a wirelessly powered micro-package.

The schematic of the sensing circuit is shown in Figure 3.7, and its timing diagram is

reported in Figure 3.8. The operation of the circuit is the following:

• When φ1 is active, CIDC and CP1 are charged at a constant voltage of 3.3 V, with

one terminal connected to VIN and the other tied to ground. CP2 and CF are fully

discharged, with both terminals connected to ground, while CS samples the offset

voltage Vin,offset between the input terminals of the operational amplifier.

• The signal φ1 is then turned off, and φ2 becomes active. The left terminal of the

IDC is shortened to ground, while node VB is a virtual ground minus Voffset, so the

charge present in CIDC is transferred to CF , with the charge contribution due to
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Figure 3.8.: Timing diagram of the RH sensor circuit (all vertical axes units are volts).
For these simulations, the values of CP1 and CP2 have been estimated using
Cadence’s parasitic extraction feature.

CS compensating for Vin,offset. This strategy of sampling Vin,offset of the OpAmp

during φ1 to then subtract it during φ2 is called Correlated Double Sampling (CDS),

and it is very effective in eliminating the effect of Vin,offset on the output reading

of the sensor [35]. The output voltage VOUT then settles to a value proportional to

CIDC/CF .

For a proper operation of the circuit, φ1 and φ2 need to be non-overlapping clock signals.

To produce such signals, the circuit highlighted in grey in Figure 3.7 is used. It is a NOR-

based SR latch, with a series of inverter gates to set the desired commutation delay. Along

with φ1 and φ2, their complementary signals φ1 and φ2 are also generated. This is necessary

since the circuit employs transmission gates as switches, which need complementary signals

for the correct driving of the nMOS-pMOS pair. The use of transmission gates allows for a

reduction in charge injection: every time a MOS-based switch turns off, the charge present

in its channel is free to leak into the circuit. By coupling an nMOS with a pMOS, the

leaked charges partially cancel out, reducing the total amount of injected charges [36]. A

further reduction in charge injection is achieved by using small area MOSFETs as switches,

since the sensor does not need to work at high frequencies and would not benefit from the

faster settling time of larger switches.

The choice of clock frequency relies on the following consideration: it should be low

enough to reduce dynamic power consumption, but at the same time a higher clock fre-

quency is desirable to increase the efficacy of CDS in reducing 1/f noise and to improve
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Figure 3.9.: Micro-photograph of the fabricated device. The four interdigitated sensing
areas are visible in a light blue colour (units in micrometers).

the overall noise performances of the system. Cadence simulations show 10 kHz is a good

trade-off value for the correct operation of the sensor.

During the layout phase of the circuit, the option of having the output going through

a unity gain voltage follower has been added, in order to reduce voltage spikes on VOUT

during clock commutations and to provide better impedance decoupling with laboratory

measurement equipment.

3.3.4. Sensor testing

The circuit is fabricated in 0.35 µm, 4-metal CMOS technology by AMS. A micro-picture

of the silicon die is reported in Figure 3.9. Four sensing elements are present, one for each

of the three different sizes mentioned before, plus a replica of the 300x300 µm one. This

has been added to evaluate if there are any noticeable effects in placing the readout circuit

under or next to the sensing capacitor. Since it is important to minimize the silicon area

required for the neural implant, it would be valuable to know if the space below the IDC

can be used for other active circuitry without being too affected by parasitics.

To automate the testing process, a dedicated platform is designed in the form of a PCB

shield that integrates with the Freescale FRDM-KL25Z development platform. In order

to test the sensor, the polyimide sensing layer must be deposited on the surface of the die.

The chosen material is the PI-2555 from HD MicroSystems, which is selected for its low

viscosity, to allow for a uniform deposition even on high aspect ratio surfaces like that of

the IDC. The use of the specific adhesion promoter VM-651 is also expected, to ensure a

good bond between the polyimide and the die.

Unfortunately, severe delays were encountered when sourcing the polyimide, therefore

it has not been possible test the sensors with the required sensing layer and under varying

humidity conditions. However, the basic functional operation of the circuit is assessed,

and the measured results are reported in Figure 3.10. For each of the three IDC sizes, the

results of the measurements (taken at the output of the voltage follower) are shown with

a solid black line, together with the output of Cadence simulations in both conditions of

0 % and 100 % RH. The fact that the measured VOUT sits outside of the expected range is
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Figure 3.10.: Humidity sensor test results for each of the three IDC sizes, compared with
the pre-fabrication simulations. The blue and green dashed lines represent
simulation results at the extremes of the humidity range, while the black
solid line is the direct measurement from the CMOS circuit.

expected, and it is due to the absence of the polyimide sensing layer. With no polyimide,

the dielectric between the finger electrodes is simply air, whose lower permittivity reduces

the capacitance of the IDC.

The measured results can only suggest a correct operation, and further testing is needed

to fully characterize the sensor.

3.4. Commercial humidity sensor for package integrity

testing

Alongside the development of the custom humidity sensor presented in the previous sec-

tion, the use of a commercial sensor has been investigated, to allow for the development

of a platform to test package integrity.

The choice for the commercial component is the Sensirion SHTW2 temperature and

humidity sensor. This is a low power sensor that comes in a ultra-small flip chip form

factor with no package, to keep dimensions to a minimum (see Figure 3.11). It measures

1.3× 0.7× 0.5 mm3. It has a supply voltage of 1.8 V and employs a digital I2C com-

munication interface, accessible through its four bottom contacts. The humidity sensing

element is also placed on the bottom of the sensor, where an opening in the passivation is

present to increase sensitivity.

Eutectic bonding compatibility

In the proposed initial design for the ENGINI neural implants, the strategy for the creation

of an hermetic seal to protect the cavity that hosts the active electronics is to employ
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Figure 3.11.: Sensirion SHTW2 temperature and humidity sensor: on the left overall as-
pect of the sensor; in the centre and on the right a micro-photograph of the
bottom side, with zoom on the sensing element.

eutectic bonding. This is a wafer bonding technique that uses a particular metal alloy

as intermediate layer. Said metal alloy is in fact a eutectic system, which means it’s

composed by two substances that, when mixed together, have a melting temperature

lower than the one of the individual substances. The value of this temperature, called

eutectic temperature, is dependent on the mixing ratio of the two substances. In particular

it is considered the use of a AuSn mix, that has demonstrated high bonding strength

and is compatible with CMOS post-processing, having a eutectic temperature of 278 °C
[37]. The process to create the eutectic bond requires a temperature cycle that goes

up to 315 °C and is kept at that value for a minimum of 5 minutes. Therefore, it is

necessary to ensure that the SHTW2 sensor can withstand such temperature, with no

consequences on its calibration. According to its data sheet, the SHTW2 temperature

operating range is −30 °C to 100 °C. It is also compatible with a reflow soldering profile

with peak temperatures of 260 °C held for a maximum of 30 s. However, this figures are

significantly lower, both in terms of temperature and time, of the values required by the

eutectic process.

To test the SHTW2 through a simulated eutectic bonding process, a dedicated setup has

been designed: the sensor’s humidity response profile is first characterized using an Espec

SH221 environmental test chamber. The sensor is then moved to a LPKF ProtoFlow reflow

oven programmed to simulate the temperature cycle of a eutectic bonding process. Finally,

a second humidity cycle in the environmental chamber is performed, to see if the sensor

readout has been affected by the high temperature of the reflow oven. A possible issue

is that the maximum eutectic bonding temperature is higher than the peak temperature

of the sensor’s reflow soldering profile. Therefore, there is the risk that the sensor might

unsolder from the test PCB while in the reflow oven preventing it from going through the

second humidity cycle. To solve this problem, a solderless approach is needed to connect

to the sensor.

The proposed PCB design is composed of two separate boards that can be aligned and

secured together to hold the SHTW2 sensor in between them. The electrical contacts with
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(a) (b)

Figure 3.12.: Solderless PCB setup for Sensirion SHTW2 testing: (a) Picture of the two
PCBs with alignment holes and solderless pads; (b) The assemlbed setup
with the SHTW2 sandwiched in between the PCBs and connected to the
testing equipment with a ribbon cable.

the sensor are formed by pressure only, without the need for soldering. The bottom PCB

only hosts an aperture in the solder mask the same size of the sensor, to help keeping

it aligned during assembly, while the top PCB includes the contact pads for the sensor,

together with a bypass capacitor for power supply decoupling and the connector for the

external ribbon cable (see Figure 3.12).

The testing procedure with the environmental chamber is automated thanks to the RS-

485 serial communication capabilities of the instrument, through a Matlab script that sets

the chamber parameters and records data from the sensors under test. The temperature

profile of the reflow oven is reported in Figure 3.13, while the results from the test of

two SHTW2 sensors in the environmental chamber, before and after the temperature

cycle in the reflow oven, are detailed in Figure 3.14. The humidity inside the chamber is

cycled through its whole swing, while the temperature is kept constant at 37 °C to mimic

the body’s internal temperature. The measurement errors between the value of relative
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Figure 3.13.: Temperature profile of the LPKF reflow oven to simulate a AuSn eutectic
bonding process: the interruption in the data is due to the instrument inabil-
ity to show temperature values while switching off the temperature control.
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Figure 3.14.: Testing of two Sensirion SHTW2 temperature and humidity sensors inside
the environmental chamber: on top the results before and at the bottom the
results after the eutectic temperature cycle in the reflow oven.

humidity given by the environmental chamber and the reading of the two SHTW2 sensors

under test are reported in Table 3.4. These errors, taken at regular time intervals, are

measured before and after putting the two Sensirion sensors through the eutectic cycle

simulation. As can be seen from both plots and error table, there is no evident difference

between the performance of the sensors before and after the temperature cycle, as they are

still able to reliably track the value of humidity inside the environmental chamber. This

makes them good candidates for use in hermetic packages for encapsulation monitoring.

Despite their small footprint, the SHTW2 sensors are still relatively bulky for being

integrated inside a micro-package. To address this issue, a thinning process was attempted.

The thinning was performed by backgrinding the sensors’ dies, however it proved to be

very difficult to perform the operation at die level, and all of the five attempts resulted in

non functioning sensors (see Figure 3.15).

3.4.1. Optoelectronic hermeticity platform

The Sensirion SHTW2 has proven to be a reliable sensor, able to withstand the tempera-

ture cycle of a eutectic bonding process, and therefore it can be used to monitor package
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Table 3.4.: Measurement error between environmental chamber and test sensors, before
and after putting the sensors through the eutectic cycle.

Error (% RH)

Elapsed time 1.5 h 2.5 h 3.5 h 4.5 h 5.5 h 6.5 h 7.5 h 8.5 h 9.5 h
Chamber % RH 80% 60% 40% 20% 20% 30% 50% 70% 90%

Sensor 1
Before 0.08 -0.95 -2.99 -2.92 -3.78 -3.72 -3.57 -2.26 -2.45
After 0.11 -0.75 -2.95 -3.27 -3.62 -3.87 -4.49 -3.5 -2.24

Sensor 2
Before 0.05 -0.74 -2.7 -2.69 -3.63 -3.76 -3.7 -2.42 -2.59
After 0.18 -0.53 -2.71 -3.06 -3.47 -3.88 -4.47 -3.43 -2.39

integrity. However, its dimensions do not allow for integration in sub-millimetre devices.

Nevertheless, it can be integrated in larger assemblies to provide useful hermeticity in-

formation when testing packaged devices. There is however the issue of communication

with the sensor when used in such a setting: if the package is required to be hermetic, we

want to avoid feedthrough connections that might be cause of moisture ingress. A wireless

strategy is therefore required to connect to the sensor and for data readout.

One possible way is the use of inductive coupling between the inside and the outside of

the hermetic package [38]. This solution, however, has shown to be challenging, requires

coils to be integrated in the system, and is susceptible to EM interference.

Another strategy is the use of an optoelectronic architecure, where power and data are

transferred using two light source and photodetector pairs (see Figure 3.16). The work

towards this platform has been carried out by the MSc student Noah Ng and the BSc

student Yin Fang as their thesis project. The main challenge of this approach is to deliver

a sufficient amount of power to the circuitry inside the sealed package. This also requires a

careful selection of the wavelength, to achieve a sufficient power transfer while minimizing

the absorption caused by the material of the package.

This project has led to the design of the optical transmitter and receiver circuit, together

Figure 3.15.: Micro-picture of one of the Sensirion SHTW2 sensors that underwent back-
grinding. Cracks are visible on both the front and the back surface of the
sensor, together with the marks left by the milling machine.
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Figure 3.16.: Diagram of the platform for hermeticity monitoring with optical power trans-
fer and data transmission.

with the selection of adequate photoelements for optimal power delivery, with promising

results for the realization of a bench top testing platform for hermeticity of micro-packages.

3.5. Conclusions

In this chapter we have developed a custom sensor to measure humidity inside cavities

with a sub-millimetre volume, with the scope of monitoring the hermeticity of implantable

devices. The use of a commercial sensor has also been investigated. Based on the presented

design process and test results, we draw the following conclusions:

• The Matlab tool based on the mathematical model for the calculation of an IDC

capacitance proved accurate, and can be useful for the initial design choices and

parameter optimization of similar structures.

• The total footprint of the readout circuit is smaller than the area required for the

IDC. However, it could be reduced in a future iteration by adopting a different

approach, maybe based on the humidity induced frequency shift of an oscillator.

• The sensor readout circuit could not be tested under different RH conditions. Never-

theless, the capacitance-to-voltage converter has proven functional for all three IDC

dimensions.

• The sourcing of materials for conducting experiments was particularly challenging,

compromising the testing of the sensor. A reminder of the importance of always

planning for the worst when doing research.

• The performance of a thermally stressed Sensirion SHTW2 RH sensor has been

evaluated, providing useful insight regarding the integration of this product in test

platforms for package integrity.

• The obtained results are relevant to our specific application within the ENGINI

project, and can be extended to the wider scientific community working on hermetic

packaging in general, and on reliability of implantable devices in particular.
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4. Chronic Stability of Implanted Silicon

Devices

In the previous chapter, the importance of having in situ instrumentation to monitor

over time the status of the encapsulation of implantable devices has been highlighted.

This is particularly true when scaling down the implant dimensions to the millimetre or

sub-millimetre domain. In fact, this downsizing often comes at the expenses of commonly

employed safety precautions, such as extra layers of encapsulation or system redundancies.

Possibly, the only component of an implantable device that cannot be spared is the

electronics core. With the use of silicon-based electronics it is possible to take advantage

of the extreme miniaturization capabilities of IC manufacturing, and even to design entire

implants integrated on a single silicon die, for example the Neurograins concept shown in

chapter 2.

However, using only an active silicon substrate as implant poses numerous challenges

from the point of view of biocompatibility and device longevity, due to the materials

used and the fabrication process of a silicon die. To better understand these issues, it

is important to review the main features of a typical CMOS process. As an example,

Figure 4.1 shows the cross section of a 0.18 µm process. The fabrication steps are carried

out from the bottom up: starting from the lower section of the image the FEOL (front end

of line) is found. Here the transistors and most other devices (resistors and capacitors)

are formed by patterning with photo-lithography the required wells and the gate, source,

and drain modules. Moving upwards, the various metal layers are encountered. These

layers provide the necessary interconnections between the devices, and are separated by

the inter-layer dielectrics (ILDs), usually silicon dioxide (SiO2). Finally, the top surface of

the IC is covered by one or more passivation layers, whose goal is to protect the underlying

structures from corrosion. Common materials for passivation are silicon dioxide, silicon

nitride (SiN), and titanum nitride (TiN), but other compositions have been used for more

specific purposes [3, 4]. The passivation is then removed only where necessary, like on

bond pads for electrical connections or in the presence of surface sensors.

After the dicing process, which cuts the wafer into individual dies, commercial ICs are

usually bonded and encapsulated in a thermoplastic or ceramic package, that protects the

A portion of the material presented in this chapter has been published in [1, 2]. The experimental
setup described in subsection 4.2.2 has been developed by Prof. Nick Donaldson and his team in the
Implanted Devices Group at University College London. Accelerated life testing has been carried out
by Mr Callum Lamont and Mr Ahmad Shah Idil at UCL, and Mr Kambiz Nanbakhsh from TU Delf.
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Figure 4.1.: Focused Ion Beam (FIB) cross section of the UMC 180nm eNVM process [5].
Starting from the bottom, there is the FEOL, which contains all the active
devices, then the various metal layers for interconnections (in this case it is a
four metal process), and finally the passivation layers.

die both mechanically and electrically from the environment, and provides the required

electrical contacts. However, as previously stated, in order to scale down the dimensions

of implantable devices to or below the millimetre domain, it might be preferable to avoid

such packaging, and use only one or few layers of polymer encapsulation. While keeping

dimensions to a minimum, these polymer layers help with the biocompatibility of the

implant both from a point of view of materials and from a mechanical perspective. In

fact, they act as a softer interface to the tissue, and cover the sharp edges of a silicon die.

The work present in this chapter aims at studying the long-term performances of poly-

mer encapsulated silicon dies in the context of miniaturized implantable devices, in order

to provide insights on the encapsulation requirements in the design process of such devices.

4.1. Water penetration in coated silicon devices

Many studies have been dedicated to the understanding of how water vapour affects the

reliability of silicon devices, although the vast majority of them have mainly considered

moisture diffusion mechanisms in the standard commercial packaging of CMOS devices

[6]. The process of diffusion of water molecules in a multi-material device is not simple to

study, given the many variables to be taken into account, from the environmental ones such

as temperature, pressure, and humidity, to the materials employed, presence of impurities,

or contact interfaces. To try and gain insight into such process, the scientific community

has developed numerous numerical models of moisture absorption [7, 8].

Since water ingress is unquestionably one of the main concerns for devices inside the
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human body, if we want to develop the next generation of miniaturized implantable devices

it is of primary importance to study moisture absorption and chronic stability in the case

of single silicon dies encapsulated only by polymer layers. There have been studies in such

direction as well, most of which employ specifically designed test structures that are put

under stress conditions, such as voltage and temperature, to accelerate the ageing of the

devices [9]. However, given the extremely high degree of reliability needed for medical

devices, the results from such tests are often very sparse and not easily translated into

the real implants. Also, since the majority of the samples used in such experiments are

test structures built in house, they might not reflect the behaviour of industry produced

devices, which are the ones to be finally employed in clinical applications [2].

4.1.1. Moisture induced damages to implants

Silicone-based polymers have been successfully used as coating for implantable devices

thanks to their advantageous properties, in particular when compared to the epoxy resins

that were used in early implants: they are easy to mould to conform to the device and

easily allow for the creation of custom implant shapes; their low modulus makes them able

to relieve mechanical stresses; they have a very low content of ionic contaminants; they

are transparent, facilitating the inspection of the encapsulation. As an example, poly-

dimethylsiloxane (PDMS) has been employed as encapsulant for the cables and electrodes

in pacemakers an neural stimulators [10].

On the other hand, the main drawback of polymers is their permeability. No polymer

is able to offer total resistance to gas molecules, and therefore they can absorb water, and

experience changes in their volume and elasticity as the result of hygroscopic swelling.

Incorporating hydrophobic materials within the polymer has shown better chronic per-

formances [11], but they still cannot provide the same level of protection as metals or

ceramics. Moreover, in order to create an encapsulation that covers all sides of the im-

plantable device, more than one processing step is usually required. This might enhance

the formation of micro-cracks, bubbles or imperfections within the polymer.

Water molecules can be present inside the polymer’s structure in two different states:

bound molecules are chemically linked to the polymer chains by means of hydrogen bonds,

while unbound or free molecules are trapped in nano-pores and free volumes and not

chemically bound to the polymer molecules. The unbound water content present at the

moment of fabrication is usually evaporated during a reflow phase, but more energy is

generally needed to also release the bound molecules [12].

By looking at Figure 4.2 it is possible to understand how moisture trapped inside the

encapsulation can be the cause of multiple ways of device failure. In this example, two

voids are present within the encapsulant, one in the bulk of the material while the other

is in contact with the active implant. As soon as the implant is placed in a fluid, the

permeable polymer lets water molecules diffuse through it, until they reach a void and

condense in it. If the void is in contact with the implant’s surface, the water accumulated
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Figure 4.2.: Representation of the mechanism of implant failure caused by water accu-
mulation inside the voids present in the encapsulation layer (adapted from
[13]).

can start the process of corrosion of the implant. The result of such corrosion is the release

in the condensed water of particles and ions of metal and metal oxide. Moreover, the con-

centration of ions generates a positive feedback effect that attracts more water molecules

by modifying the osmotic gradient [13]. As the void is increasingly filled by condensed

water and ions, its internal pressure rises, and might detach parts of the encapsulation

from the implant, even reaching a complete separation between the two and delamination

of the polymer layer.

Apart from corrosion, the presence of water accumulating at the interface between the

polymer encapsulation and the implant can also cause problems of electrical nature: for

example, it can promote electromigration and the formation of metal dendrites that could

short together separated metal tracks [14]. If the void is formed between two conductors

with a sufficient voltage difference, it can cause the hydrogen and the oxygen in the water

molecules to dissociate, and the resulting gas can further expand the volume of the void.

This might have a significant impact in miniaturized implants, where the scaling down

in dimensions corresponds to locally higher electric fields. In case the bubbles inside the
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encapsulation expand so much to cause the opening of a direct path from the implant to

the body environment, leaching occurs: this is the diffusion in the biological tissue of the

particles corroded from the implant, which are often toxic for the body [15].

Water ingress in implants is a major issue when designing devices that target chronic

operation. It can cause multiple malfunctions and often leads to complete device failure.

More in-depth testing is required, in particular regarding the performances of polymer

encapsulation that is currently the main solution to achieve high implant miniaturization.

4.2. Structures for accelerated tests on implant

encapsulation

The considerations exposed in the previous section regarding the damages caused by water

penetration inside an implantable device highlight the need for meaningful tests to evalu-

ate how silicon-based implants perform over long periods of time when protected with a

polymer encapsulation. To better understand such phenomena, the use of custom designed

test structures in silicon is explored, as it can provide more insight regarding the chemical

interactions that occur in CMOS substrates when exposed to an environment such as the

human body. Of particular interest is the resistance to corrosion of the functional parts

of the CMOS device, such as the metal interconnections and the MOSFETs’ junctions,

as well as the importance of protection layers like passivation and polymer coatings in

safeguarding the device. Each of the proposed test structures, detailed in the following

section, is designed to investigate how these processes occur at different depths of the

CMOS stack.

4.2.1. Test structures design

Three types of test structures have been designed and fabricated in the AMS 0.35 µm four

metal CMOS process. In order to obtain consistent results, the technology is the same used

for prototyping various neural recording circuits employed by both the ENGINI project an

the CANDO (Controlling Abnormal Network Dynamics using Optogenetics) project. The

latter is an EPSRC funded project that aims at delivering an implantable neural system

for patients affected by focal epilepsy.

Interdigitated capacitor

The first test structure is an interdigitated capacitor, formed by two comb electrodes

fabricated on the Metal 3 layer (see Figure 4.3a). IDCs hare the most common type

of structure for encapsulant testing, as they allow the detection of leakage current be-

tween the electrodes or the change in insulation impedance [9]. The two electrodes that

compose the capacitor are surrounded by a Guard electrode that acts as a shield, whose
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Figure 4.3.: Diagrams of the test structures for accelerated life testing of polymer encap-
sulated electronics: (a) IDC structure with Guard electrode to collect leaking
charges; (b) Same IDC structure with an added screen on Metal 4 layer; (c)
Vertical IDC with alternated electrodes on the bottom three metal layers;
(d) Four different configurations of MOSFETs for testing gate-to-source and
drain-to-source leakage.

function is to collect surface leakage charges. The total area of the IDC is approximately

1.15× 0.85 mm2, while the single electrodes have been designed with minimum finger

width and gap (1 µm and 0.6 µm respectively) to maximize capacitance.

The IDC structure has also been replicated with the addition of a Screen pad, connected

to a continuous planar surface on Metal 4, as a further protection (Figure 4.3b). This

variation has been designed to assess if the implant’s resistance to moisture penetration

would benefit from the presence of such a continuous metal screen to shield the bottom

layers. This would of course come at the expenses of having one less metal layer available

for interconnections, thus setting a constraint on the complexity of the active circuits in

the case of a real implant. In this case, the dimensions had to be readjusted to comply

with the design rules, for a total IDC area of 0.97× 0.68 mm2. Of particular interest is the

long term performance of the passivation layer, in this case composed by SiO2 and SiN.

As mentioned earlier in the chapter, the role of the passivation is to protect from corrosion

and slow the oxidation process. However, the deposition of the passivation layers is the

last step of fabrication, and no subsequent planarization is performed. This leaves the

passivation with an irregular surface, also depending on the metal structures underneath,

and makes it more prone to non-uniformities and cracks.

The IDC has also been redesigned, in its screened variation, in a following tape-out,
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again using a AMS 0.35 µm process but with no thick top metal option. This was required

to increase the impedance of the test structure. The new dimensions are 2.8× 1.5 mm2,

which provide a measured capacitance of approximately 150 pF.

Vertical interdigitated capacitor

The second type of test structure is still an interdigitated capacitor, but in this case the

comb electrodes are extended to the first three metal layers, in order to create a three

dimensional, “chessboard”-like capacitive structure (see Figure 4.3c). Also in this case the

screen on Metal 4 is used. This configuration aims at investigating the effect of ageing

on the various metal layers of the CMOS process, other than only the top ones like the

previously presented IDCs. The capacitor area is 0.82× 0.65 mm2, and minimum feature

sizes have been used for the comb electrodes, like for the previous IDC.

MOSFETs

The last kind of test structure is composed by four different MOSFETs (see Figure 4.3d).

There are two couples of nMOS and pMOS, and for each couple one transistor is in a off

configuration, with the gate contact shorted with the source terminal, while the other is in

a on configuration, with no terminals shorted together. The aim of these transistor-based

test structures is to study the chronic performances of the aged silicon die, but with a

focus on the FEOL and the substrate. In particular, the off FETs target the drain-to-

source leakage, while the on FETs the gate-to-source leakage. To increase the magnitude

of possible leakage currents, the transistors have been designed with an interdigitated

geometry for source and drain contacts. The MOSFETs have been replicated in two

versions, with and without the Metal 4 screen, similarly to the IDCs.

A micropicture of the fabricated test structures is reported in Figure 4.4a, together

with two FIB cross sections of the unscreened IDC and the screened vertical capacitor

(Figure 4.4b and Figure 4.4c respectively).

4.2.2. Experimental setup

In order to conduct the accelerated life tests, a dedicated platform that allows for the

parallel testing of multiple samples is required, in order to obtain statistically significant

results. As mentioned earlier in this chapter, the test platform has been designed by Prof.

Nick Donaldson and his collaborators at UCL, and refined over the years [16], in order

to control and reduce all possible sources of interference that play a significant role in

these kind of measurements. In fact, for a correct interpretation of the tests’ results, the

contributions of the measuring apparatus need to be distinguished from the ones of the

device under test (DUT).
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Figure 4.4.: Photographs of the test structures fabricated in AMS 0.35 µm four metal tech-
nology: (a) Micropicture of the full die containing all five of the designs. The
narrow slots seen on the Metal 4 screens are openings required by the process’
design rules to respect the maximum metal coverage of the layer; (b) FIB
cross section of the unscreened IDC. Note how the aluminium fingers of the
comb electrodes are covered on top and bottom by a protective layer, possibly
TiN (image courtesy of Prof. Nick Donaldson); (c) FIB cross section of the
vertical IDC. This sample was aged without encapsulation in PBS at 67 °C
and biased at 15 V DC for one month. The thick Metal 4 layer presents clear
signs of corrosion (image courtesy of Mr Callum Lamont).

The operation of the test platform is based on electrochemical impedance spectroscopy

(EIS): this means that the samples are evaluated by mean of an AC stimulus with a

frequency sweep, in order to obtain the frequency response of the DUT. The deviation

of the resulting spectrum from the characteristic of an ideal capacitor may indicate the

presence of a shunt impedance due to leakage. For this purpose a frequency response

analyzer (FRA) is used, in conjunction with a femtoammeter for current detection.

To simulate the environment of the human body, the DUTs are immersed in phosphate-
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buffered saline (PBS). This solution is the most widely used for biological in vitro exper-

iments and cell cultures: being a buffered solution, it keeps its pH value almost constant

even in presence of small changes in the concentration of acids or bases, at a value of

approximately 7.4, which matches the pH of the human body. Moreover, its ion content

(mainly sodium and potassium) and concentration correspond to the one inside the body,

and is non-toxic to tissues. The ion composition of the solution can also be modified

accordingly to meet specific requirements. Also for the particular case of in vitro testing

of neural implants, the use of PBS has been largely documented [17, 18].

The working principle and the main components of the test platform are reported in the

diagram in Figure 4.5. Given the necessity to perform tests at very low frequencies (down

to 10−2 Hz) while at the same time needing many identical DUTs to collect significant

data, the system is modular and it is designed to automatically cycle between the different

DUTs. In the example of Figure 4.5 there are seven separate but identical silicon dies with

the IDC test structures (the ones presented in the previous section) that act as DUTs.

Each DUT is aged in a glass test tube filled with PBS (see Figure 4.6a). The tube is

sealed by a bung made of polyether ether ketone (PEEK) fitted with a silicone O-ring.

This prevents the PBS solution to evaporate over time. The level of PBS inside the tube

is also monitored using a two-wire level detector. Using silicone, the CMOS die is bonded

to an alumina (Al2O3) substrate where PtAu metal tracks have been patterned to allow

for electrical connection. These tracks are insulated using a glass sealing layer. Finally the

whole structure is then encapsulated in moulded silicone (MED-6015) (see Figure 4.6b).

Current
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Voltage
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(Pstat)

Shielding
WE

LO

CE R1
100kΩ

R2
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C7 Ageing

voltage
generator
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Figure 4.5.: Simplified schematic of one module of the test platform. Resistor R1 is for
limiting the current from the voltage source in case one of the DUTs fails
causing a short circuit while resistor R2 limits the voltage across the IDCs
that are not currently under measurement (adapted from [16]).
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Figure 4.6.: Set up of and connection of individual samples within the platform for accel-
erated life testing: (a) Diagram of the PBS-filled test tube for ageing tests
(image courtesy of Prof Nick Donaldson); (b) IDC sample bonded to alumina
substrate and encapsulated in silicone [2]; (c) Screened IDC sample prepared
for test without polymer encapsulation (image courtesy of Mr Kambiz Nan-
bakhsh).

When a measurement has to be performed, the reed relay associated to the desired DUT

is activated, to connect the test IDC to the instrumentation. The counter electrode (CE)

side is driven by the voltage source that performs a frequency sweep from 10−2 to 105 Hz.

The resulting current at working electrode (WE) is then measured by the femtoammeter.

The WE is also shielded along its full length (including on the silicon die by the guard

metal track) to collect leakage currents.

4.2.3. Results

Different batches of silicone encapsulated IDCs have been aged at 47 °C, 67 °C, and 87 °C.

If a failure occurs in an IDC that causes leakage through the two comb electrodes, we

expect to observe a change in phase from −90° to −45° at low frequency (around 10 mHz)

caused by a resistive effect. Moreover, an increase in the overall capacitance of the IDC

can be an indicator of moisture penetration inside the dielectric layers, in a mechanism

similar to the one exploited for the humidity sensor.

A summary of the ageing test results from the ongoing experiments is reported in
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Table 4.1.: Results of accelerated life tests on IDC structures under constant DC bias and
at different ageing temperatures.

Temperature (°C) Voltage Days Samples Failures

47 5 V DC 360 12 0
67 5 V DC 393 12 2
87 5 V DC 365 12 2

Table 4.1. The samples aged at 47 °C have shown no failure, while the ones at 67 °C
and 87 °C have reported two failures each. One of these failures has occurred at the

wirebond location on the silica adapter, where silicone has delaminated from the substrate

(see Figure 4.7a), while the other three resulted as sudden open circuits in the output

characteristic, caused by failure of soldered connections within the bung. So far no failure

related to the CMOS samples has been reported, and their measured characteristic shows

no anomalies in either the magnitude or the phase measurement (see Figure 4.8).

Tests conducted on unencapsulated IDC samples (from Mr Kambiz Nanbakhsh) have

also shown good reliability. Unshielded IDC samples show good performance and can

withstand continuous DC bias for a month in 67 °C PBS before showing visible dam-

age. The presence of the Metal 4 screen layer extends the lifetime considerably (latest

measurements available at 298 days) and offer similar results as samples with silicone

encapsulation, justifying the use of such protective layer.

The interconnections from the DUTs and the test equipment are currently the main

source of failure, in particular because of the known poor adhesion between silicone and

PtAu. Nevertheless, the absence of CMOS failures is very promising, and suggests that

active CMOS based implants might have the capability to reach decades of lifetime even

when protected by a single polymer encapsulation layer.

This ongoing work has proven to be beneficial to the research community by providing

(a) (b)

Figure 4.7.: Degradation of the silicone encapsulation during accelerated life tests: (a)
Delamination of silicone over PtAu tracks on alumina substrate; (b) Void
formation inside the bulk of silicone. The similar alignment of the voids
might suggest a relation with mechanical stresses inside the silicone (images
courtesy of Prof. Nick Donaldson).
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Figure 4.8.: Magnitude and phase plots of impedance measurement of samples aged at
different temperatures. The constant magnitude at high frequencies is a con-
sequence of the current limiting resistor in series with the DUTs [2].

meaningful results regarding the long-term reliability of generic active implantable devices

[19]. The use of a reliable polymer encapsulation would be very beneficial, as it can help

scaling down the size of the implants, while at the same time providing a soft interface

with the surrounding tissue.

4.3. Integrated Devices for Micro-Package Integrity

Monitoring

In section 4.2 we have presented the use of structures specifically designed for encapsula-

tion monitoring during accelerated life testing. Here we propose two novel active circuits

that tackle the issue of moisture penetration inside a CMOS package, and allow a chronic

monitoring of the phenomenon instead of being a lab tool for bench-top testing. These

circuits can be considered as in situ instrumentation, for moisture ingress monitoring and

real time failure detection. Differently from the RH sensor proposed in chapter 3, that

senses the presence of humidity inside a micro-cavity, these circuits aim at sensing infil-

tration of moisture within the layers that compose the silicon die. This type of infiltration

arises from diffusion of water molecules within the oxide layers or thanks to the presence

of micro cracks, and although it may not cause any build up of moisture inside a cavity, it

can nevertheless lead to the corrosion of metal traces and might compromise the operation

of the device.
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Figure 4.9.: Cross-section of a CMOS die showing the proposed structure to measure mois-
ture penetration within the oxyde layers. The red and green metal tracks run
around the perimeter, parallel to the die seal ring (dimensions of the metal
traces not to scale).

The proposed circuits target this issue by detecting impedance changes in the ILDs

stack. Both architectures take advantage from the presence of the die seal ring, that is

usually present in CMOS circuits to protect the active devices placed within its boundaries.

The die seal ring is formed by continuous parallel metal tracks on all available metal layers,

all shorted together through vias, and it also connects to the silicon substrate by means of

substrate contacts. It usually runs about 100 µm from the scribe line, i.e. the edge where

the dicing saw will cut the silicon wafer to separate the individual dies. Both circuits deal

with the issue of moisture infiltration from the side of the silicon die by performing an

impedance measurement, however each circuit has been designed to assess specific features.

The concept is illustrated in Figure 4.9. Along all the metal layers available in the CMOS

process, a set of parallel metal tracks (drawn in orange in the figure) run around the die

inside the the seal ring (drawn in blue), at a set distance from it. Similarly, another set

of metal tracks (pictured in green) run at the same distance on the outside of the die seal

ring. This allows for a differential measurement between the external tracks, which are the

first ones affected by any ingress of moisture, and the internal ones, that are protected by

the presence of the die seal ring. Both sets of metal tracks have contacts with the active

part of the substrate. For the outer set, minimal apertures are made in the die seal ring

to allow for electrical connection.

The two proposed architecture have been designed with the opportunity to be imple-

mented together on the same die, by having the possibility to either connect or not the

metal tracks together using programmable switches, so that the instrumentation can al-

ternate between one configuration or the other whenever needed. This gives also the

possibility to either use all of the metal traces as sensing terminals to enhance sensitivity,

or to select a specific layer, for example Metal 2, to localise at which depth the failure has

occurred.
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4.3.1. Inter-layer infiltration

In this scenario we expect moisture penetration at the interface between the different

silicon dioxide ILDs. This may be caused by defects during the fabrication phase, or by

cracks induced by mechanical or thermal stress. Moisture continues to infiltrate deeper

along the interface of ILDs, eventually leading to the formation of a conductive path

between the outer metal tracks and the die seal ring. In this case a differential measurement

along the horizontal direction is necessary to determine if the infiltration has reached the

die seal ring. With reference to Figure 4.9, this corresponds to a comparison between the

current leaking from Z1,out, Z2,out to the seal ring, and the one leaking from Z1,in, Z2,in to

the seal ring.

In order to proceed with the design of the sensing circuit, it is necessary to estimate

the order of magnitude of the leakage currents to be sensed. Given the wide range of

failures that can be caused by water ingress and corrosion, it is difficult to accurately

predict the value of such currents, however it is possible to use as a starting reference

the value of leakage current for MOS devices reported on the datasheet of the proposed

technology (AMS 0.35 µm). For devices under normal operational conditions, the leakage

current is of the order of units of fA. If a conductive path was to be formed because of

water penetration, we could estimate an increase of 3 to 4 orders of magnitude [20]. For

our application we consider the leakage currents to be in the range of units to tens of pA.

The proposed circuit for this differential current measurement is shown in Figure 4.10a.

It is composed of two amplification stages, where the inner and outer impedances under

test (coloured in orange and green respectively) are connected to the inputs of a first fully

differential amplification stage, which is then followed by a discrete time trans-impedance

amplifier (TIA).

The purpose of the first stage is to amplify the difference between the leakage currents

iout and iin coming from the two impedances under test, while the second stage TIA

operates as a charge sensitive amplifier, where the output voltage VOUT has a slope pro-

portional to the charge integrated over time on the feedback capacitor CF . The use of

charge sampling has proven to be one of the best techniques for low-noise current sensing

[21], but in order to avoid charge saturation over time, a periodic reset is necessary to dis-

charge the sensing capacitors at every measurement cycle. With reference to the timing

diagram shown in Figure 4.10b, this reset is performed by switches in parallel with the

capacitors, driven by the periodic signal φrst. At the end of the reset phase, φrst is turned

off and the integration phase starts, where CF integrates the incoming current over the

interval Tint. The resulting slope of VOUT can then be sampled by using a S&H after the

TIA (represented in the schematic as the switch driven by φS). To allow measurements in

either condition iin < iout or iin > iout, and therefore to account for positive or negative

slopes of VOUT , the TIA is biased with a common mode voltage VDD/2 that sits in the

middle of the supply voltage.
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Figure 4.10.: Proposed circuit for sensing moisture ingress along the interface between
ILD layers: (a) Schematic of the TIA-based circuit for the measurement of
leakage currents between metal tracks and die seal ring; (b) Timing diagram
of the TIA-based circuit.

Compared to conventional current sensing circuits, the signal bandwidth in the proposed

system is near DC with magnitude in the range of 1 to 100 pA. This justifies the choice

of using a discrete time sensing circuit, which is more suitable for low bandwidths than

continuous time circuits [21]. A smaller amplification bandwidth is therefore preferred

to reduce the overall noise bandwidth and the aliasing of high frequency noise inside the

bandwidth due to sampling. A low sampling frequency is also required, lower than the

corner frequency of the flicker noise, and it allows a low duty cycle for power saving.

The use of a lower sampling frequency however means that a larger portion of the

wide-band noise will be translated down to base-band due to aliasing. Therefore a larger

pMOS pair (600 µm/1 µm) is used in the first stage folded cascode amplifier [22], with 1 pF

matched capacitors used in the feedback loops to minimise the effect of noise due to input

parasitic capacitance.

A further enhancement could be provided by employing CDS after the TIA. By sampling

the output voltage when the circuit is in the reset state, it is possible to obtain the value

of offset voltage and noise, that can then be subtracted from Vout at the next measurement
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Figure 4.11.: Simulation results for the frequency response and noise profile of the leakage
current sensing circuit. For this simulation the input currents under test
were set to iout = 1 pA and iout = 0.

Table 4.2.: Specification table of the two-stage TIA circuit

Input current range 1-100 pA
I to V gain 207.75 dB Ω @ fS < 1 Hz
Resolution 5 fA
Power consumption 4.76 µW @ 3 V supply

cycle [23].

The results from the simulations of the proposed circuit are reported in Figure 4.11,

which shows the transfer function and the current noise spectrum. The main parameters

of the circuit are summed up in Table 4.2. The integrated current noise in the band 1 mHz

- 5 Hz is 4.4 fA, indicating that the circuit can achieve approximately 5 fA input current

resolution. This however will need to be verified through testing, since the use of the seal

ring as sensing terminal is an experimental technique, and its reliability requires proper

evaluation.

4.3.2. Intra-layer diffusion

In this second case the focus is on sensing the moisture that diffuses within the oxide

layers. If sustained for a sufficient amount of time, this phenomenon can also lead to SiO2

dissolution [24]. The diffusion of moisture in the oxide does not guarantee the creation of

a conductive channel metal traces, so sensing leakage currents like in the previous section

would be very challenging. However, it causes a change in the permittivity of the silicon

dioxide, that can be sensed with an impedance measurement, this time along the vertical

direction. With reference to Figure 4.9, the objective is to compare the magnitude of the

impedances Z1-2,out and Z1-2,in, since we expect the diffusion starting from the edge of the
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Figure 4.12.: Schematic of the circuit for sensing moisture diffusion in silicon dioxide by
evaluating the impedance between metal tracks on different layers. The two
highlighted components are the impedances under test.

CMOS die to first affect the impedance between the outer metal tracks before reaching

the inner ones.

An estimate of the value of the impedances to be measured and their variation in pres-

ence of moisture is necessary prior to the design of the sensing circuit. The AMS 0.35 µm

technology datasheet indicates the value of capacitance between tracks on contiguous metal

layers to be in the range of 26 to 59 aF/µm2. If metal tracks with a width of 0.5 µm are

used to cover the perimeter of a 4 mm× 4 mm silicon die, this gives a total capacitance

ranging from approximately 200 to 480 fF. An estimation of the capacitance variation

due to the presence of water molecules is obtained using Looyenga’s formula, similarly

to the procedure used for polyimide detailed in subsection 3.3.2. The result in case of

maximum water absorption shows an increase of approximately 25% in the value of SiO2

permittivity, and therefore a similar increase in capacitance. This value remains a rough

approximation and will need further experimental verification, but serves as an indicator

of the required resolution for the sensing circuit, which is in the units of fF.

The proposed sensing circuit is shown in Figure 4.12. The goal of this circuit is not to

characterise the impedances under test, but instead to sense the difference the difference

in capacitance between the inner and the outer impedance. For this purpose, the proposed

topology is a regenerative comparator based on the StrongARM latch described in [25],

but instead of sensing a differential voltage, it is modified to sense the difference in the

impedances seen on the two branches of the comparator.

The circuit operates in the following way: when signal φS is low, the four switches S1

to S4 charge nodes A, B and C to the supply voltage VDD. Then φS is triggered to start
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Table 4.3.: Specification table of the comparator

Minimum input capacitance 10 fF
Minimum detectable capacitance margin 3 fF
Power consumption 0.8 µW @ fφS = 1 kHz

the measurement phase, and node C is pulled to ground by transistor M5, activating the

comparator formed by the cross-coupled inverter pair consisting of transistors M1, M3 and

M2, M4. The voltages at nodes A and B decrease towards VDD − Vth,pmos, but they do so

at different rates, with a pull-down strength that depends on mismatch and on the total

capacitance seen at each node. Transistors M3 and M4 turn on, and the positive feedback

of the comparator drives the node with the highest voltage, either A or B), to VDD while

the other is pulled to ground. At the end of the measurement phase, the node which has

been pulled to VDD is the one with the highest capacitance, indicating if Z1-2,out > Z1-2,in

or vice versa. To store the result of the evaluation while the comparator is reset and to get

rid of commutation spikes, the outputs A and B are connected to a XOR based SR-latch.

In the ideal case where the impedances seen at node A and node B are the same, the

output of the circuit would randomly switch at every measurement cycle between the

states VA > VB and VA < VB. In reality, the comparator noise and the mismatch in both

drive strength and parasitics will cause one side to prevail, even in the case where Z1-2,out

= 1-2,in. To compensate for this, an array of switchable small value (< 10 fF) trimming

capacitors is added on the reference side [26].

The main circuit specifications are reported in Table 4.3. High speed operation is

not required for the desired application, and the circuit can be effectively run at very

low frequency for power saving purposes, since power dissipation only occurs during the

commutations of φS , while there is no static power consumption. The results from circuit

simulations indicate that a stable output is obtained for a difference in capacitance seen

at nodes A and B of |CA − CB| > 3 fF. This is the minimum difference between Z1-2,out

and Z1-2,in that can be reliably detected by the comparator. This value corresponds

approximately to a 1% variation in the capacitance of either of Z1-2,out or Z1-2,in, and

therefore the proposed circuit seems suitable to detect moisture diffusion in the SiO2

layers, but in vitro experimental results are needed for a full validation.

The two circuits presented here could act not only as useful on-board diagnostic devices for

commercial devices, but also as a novel research tool to better understand the mechanism

of water ingress in active silicon-based packages. They have been designed for a reduced

power consumption and allow for an integration into low-power implants. This work has

created interest in the research community, as demonstrated by the published results that

build upon the concepts proposed here [27].
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4.4. Conclusions

In this chapter we have presented two approaches to study the issue of moisture pene-

tration in silicon based implantable devices: one based on the use of test structures for

accelerated life testing, the other using on chip instrumentation for a real time monitoring

of encapsulation failure due to moisture ingress. Based on the presented devices and test

results, we draw the following conclusions:

• Ageing tests of CMOS dies encapsulated in silicone have shown promising results for

long-term applications, with no failures sensed by the IDC structures.

• When conducting such kind of experiments, the test setup is of prime importance,

as its parasitic contributions can mask the desired results. It is also necessary to try

to minimize the failures due to the test platform.

• The use of dedicated instrumentation circuits to monitor encapsulation can prove

beneficial both in bench top applications and for on chip chronic testing.

• The results obtained in the long term tests and the use of on chip circuits to evaluate

the integrity of silicon devices have proven to be relevant in the scientific community,

which has been building upon them and expanding the results for a wider range of

applications (not limited to neural implants) and a broader selection of materials,

such as ALD coatings or platinum electrodes [28, 29].
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5. Design of a Microwire-based Mm-scale

Cortical Recording Implant

The previous two chapters of this thesis have focused on devices and instrumentation

circuits dedicated to the assessment of long term integrity of implantable devices. Building

upon that, we propose a fabrication strategy for a chronic millimetre-sized cortical implant,

developed within the scope of the ENGINI project first described in chapter 2.

The design choices presented here tackle the fabrication, encapsulation, feedthroughs,

and assembly method of a full subdural probe, while the work towards the realization

of the dedicated neural recording circuitry as well as the power and data transmission

strategy has been the subject of investigation of other doctoral research [3, 4].

This chapter first provides a few considerations regarding the materials used for the en-

capsulation of implantable devices and the strategies currently used to fabricate microwire-

based implants. Based on such considerations, it presents the design of two generations of

probes for cortical recording based on the ENGINI architecture, pictured in Figure 5.1.

Microwires Mm-sized probe

Integrated coil for
wireless telemetry

Figure 5.1.: Illustration of the mm-sized ENGINI probes implanted in the motor cortex.

A portion of the material presented in this chapter has been published in [1, 2]. The work presented in
section 5.2 has been part of a collaborative research with Ms Katarzyna Szostak, who developed the
initial concept and carried out most of the fabrication steps for the first version of the ENGINI neural
probe.
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Figure 5.2.: Permeability to helium gas of different materials used for medical devices, as
a function of thickness and time [5].

5.1. Materials for implantable devices

The process of designing an implantable device must strike the right balance between

being effective in its desired interaction with the surrounding tissue, while at the same

time cause minimal disruption to the body’s environment. As mentioned in chapter 2,

the degree of invasiveness of an implanted device has to be kept to a minimum, to reduce

as much as possible the effects of the inevitable onset of FBR, which causes the affected

tissue to encapsulate the implant with layers of scar tissue, thus progressively impairing

its efficacy.

One of the major features that influences bio-compatibility and overall long term bio-

stability is the choice of materials used for the packaging of the implant. These materials

are in charge of protecting the electronics inside the device, as well as reducing tissue

damage. This can be achieved for example by using external coatings that are mechanically

compliant with the tissue and that can help in reducing mismatch and minimising the

damages caused by relative motion [6].

The importance of package hermeticity, highlighted in previous chapters, also has crucial

impact on material choice. As reported in Figure 5.2, each class of materials has an

associated gas permeability which has an impact on their capabilities to survive for long

periods of time in an environment like the human body. The best chronic performances

belong to metals, which are the most common choice of packaging for IMDs. Metal

enclosures provide a very high level of protection to the electronics and are chemically

inert. However, they present some limitations for the specific use we are targeting: they

do not allow for inductive or optical wireless power transfer and telemetry, and they usually
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require welding or brazing techniques to create hermetic packages, which are technologies

that do not scale easily to the sub-millimetre scale.

Bio-grade ceramics and glasses are also common in medical implants. Like metals, they

still provide good hermeticity, but at the same time they are electrically insulating. This

makes them the class of materials of choice for feedthrough connectors, as they allow

metal conductors to run through them. They also do not shield from inductive wireless

communication and, if the material is transparent to the desired range of frequencies, also

optical communication can be achieved [7].

Polymer encapsulation is largely used with implants for acute applications. As discussed

in chapter 4, polymer coatings are easy to apply and can be conveniently moulded [8],

however they have the highest permeability when compared to the previously mentioned

materials, they suffer from water diffusion and do not provide an hermetic barrier against

moisture, due to their intrinsic porous nature.

The choice of packaging materials and fabrication method plays a significant role in

device reliability, even more so in the case of miniaturized distributed interfaces, where

there is the need to produce many identical implants with a high yield.

5.1.1. Microwire-based feedthrough connections

Neural implants for cortical recording based on microwires have shown the best chronic

performances regarding signal quality over time [9]. However, the connection of microwires

with CMOS electronics on an integrated platform has proven challenging.

Feedthrough connections have the key task of transporting signals recorded from the

tissue to the electronics in charge of processing (or vice versa in case of stimulating devices).

In order to achieve this, they need to cross the hermetic barrier of the implant without

impairing its efficacy. This makes the fabrication of feedthroughs in implantable devices

a complex design challenge.

In most commercial IMDs, such as the ones presented in section 2.1, feedthrough con-

nectors are realized using insulating materials with embedded electrical contacts. To

ensure a stable connection, spring contacts are used. However, this configuration does not

scale easily to millimetre-sized devices, and new solutions are required when connecting

to microwires that are a few tens of microns in diameter.

Most microwire based solutions rely on attaching the wires to a passive connector, either

via soldering or wire bonding, and then securing them in place with epoxy resin or other

glues (see Figure 5.3a). The connectors used are extremely bulky, and usually do not

host any active elements, but are simply wired to external recording electronics. Also

the assembly process is still very laborious, and the time required for fabrication scales

linearly with the desired number of channels, and therefore of microwires.

To overcome this limitations new architectures have been proposed, like the example

reported in Figure 5.3b. Here thousands of microwires are bundled together, and then one

of the extremities of such bundle is pushed towards a two-dimensional array of sensing
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Figure 5.3.: Examples of microwire-based implants for neural recording: (a) Three com-
mercial devices for research applications (from Tucker-Davis Technologies
and Clunbury Scientific LLC). Note the the size of the connectors and the
epoxy encapsulation; (b) Microwire array design proposed by Paradromics
[10], based on a camera sensor array coupled with a bundle of microwires.

pixels [10]. By doing so, most of the microwires will make contact with one of the pixels,

and be able to operate correctly. The contact is formed only by compression of the wires

against the IC, and is then secured with the use of epoxy. This approach however is

practical only for very large bundles of microwires, which in turn neutralize the benefits

of using thin wires to minimize tissue damage.

Microwire arrays also require a dedicated insertion method, in order to avoid bending

the thin wires and minimize tissue dimpling. The material of the microwires plays an

important role in this, with metals such as tungsten being more stiff than other solu-

tions using platinum or niobium. The difficulty of insertion of softer wires however is

compensated by their better tissue integration [11].

It is important to note that the design requirements of a neural implant can vary de-

pending on its function, in particular if it is a recording or a stimulating device. The

insulation requirements for the interconnections of recording implants can generally be

less stringent that the ones for stimulating devices. This is due to the fact that a dete-

rioration in the insulation of the recording electrodes would cause signal degradation but

without harmful consequences for the tissue. On the contrary, in a stimulating device this

might cause current leakage, with an excessive, and potentially dangerous amount charge

being delivered to the tissue.
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5.2. First generation ENGINI probe design

Given the considerations made in the previous section, we approached the design of the

first practical iteration of the microwire-based implantable probe, developed as a proof

of concept for the ENGINI project. Summarizing the requirements, the design should

feature: (i) minimum overall size of the implant; (ii) hermeticity of the section hosting

the electronics, for chronic operation; (iii) use of microwires for cortical recording; (iv)

compatibility with inductive power and data transfer [2]. A further objective is to utilize

a fabrication process that can be easily scaled for the simultaneous production of multiple

probes, reducing the possibilities of failures during manufacturing and assembly.

The design of the first version of the probe is reported in Figure 5.4. It is composed of

three main parts: the CMOS die containing the active electronic circuits; a passive silicon

interposer with metal connections acting as a redistribution layer (RDL) to interface the

CMOS with the microwires; a glass module to mechanically secure the microwires in place

and reinforce the overall probe.

The silicon interposer has four holes patterned with deep reactive-ion etching (DRIE),

one in every corner. The use of DRIE allows for the creation of high aspect ratio structures,

achieving a hole diameter of approximately 50 µm through a 350 µm thick silicon substrate.

The inside of these holes is then metallized with Au/Cu, and a metal trace is patterned

on the top surface of the silicon to connect each hole to a corresponding bond pad in the

centre of the interposer, where the CMOS IC will be attached using eutectic bonding to

provide a hermetic seal around the active electronics. The connection with the microwires

is performed as follows (see Figure 5.5): the wires are inserted in the holes of the interposer,

Microwires

Grooved glass 

support layer

Silicon 

interposer

Au/Cr 

connections

Passivation

1 mm

Figure 5.4.: Concept and prototype of the passive section of the first version of ENGINI
neural probe. The CMOS IC, not depicted here, is bonded in the middle of
the silicon interposer to make contact with the metal tracks that connect to
the microwires.
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Figure 5.5.: Detail of the microwire attachment to the silicon interposer using electroplat-
ing, and glass module to support the wire.

and kept in place by slightly bending their top end. Electroplating is then used to deposit

gold in order to fill the space between the surface of the plated holes and the microwire.

This forms an electrical and mechanical contact between the wires and the metal traces.

To provide more support to the wires, the glass layer is added. It has the same area of

the silicon interposer, and contains four grooves to host the microwires. These grooves are

made using a dicing saw without cutting all the way through the glass. The glass layer is

finally attached to the interposer using anodic bonding.

Overall, the probe head measures 4× 4 mm2. The dimensions have been kept to a

minimum, while still providing the necessary space for the electronics and the coil necessary

for the inductive link. Smaller probes have been proposed [12, 13], but with very reduced

data processing capabilities. Moreover, in our design the head of the probe sits on top of

the brain cortex, while only the microwires are penetrating, thus causing minimum tissue

displacement.

Being a first prototype of the probe, a few issues were encountered during the fabri-

cation process. The initial operations on the silicon interposer, such as patterning the

metal traces and shaping the holes with DRIE, proved to be successful with a high yield,

which was expected since these processes rely on the use of well established semiconductor

manufacturing techniques and equipment. However, the subsequent electroplating step to

fix the microwires in place inside the DRIE holes proved to be particularly challenging. In

order to attain manageable plating times and good uniformity, the diameter of the hole in

the silicon interposer had to match as much as possible the one of the microwire to be in-

serted, making the manual threading process of the wires extremely laborious. Moreover,

the gold contained in the plating solution infiltrated and lifted off the passivation layer

protecting the metal traces on the interposer (see Figure 5.6). Handling the microwires

before and after insertion was not practical, and it proved beneficial to pre-bend them in

shape, to avoid excessive manipulation once they were in place. The realization of the

glass interposer also presented some issues. While the use of glass for micropackages is

well established, it usually requires specific equipment when realizing features below the

millimetre scale, such as laser micro-manufacturing. The use of a wafer dicing saw to cut
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Figure 5.6.: Passivation lift-off and excessive trace metallization during the electroplating
process to attach the microwire to the silicon interposer in the first version of
the neural probe.

grooves in the glass, although useful for prototyping, wasn’t fully suitable for the brittle

glass, and accuracy in groove width and placement was hard to achieve consistently. As-

sembling the two interposers together with the microwires in between resulted in further

complications. The uneven surface of the glass after the grooves were manufactured did

not provide good adhesion with the silicon interposer. Moreover, the resistance to defor-

mation of the microwires tended to act as a spring when joining the glass and the silicon

interposers, worsening the contact between the two and finally jeopardizing the success of

the anodic bonding.

The prototype fabrication has shown the advantages and limitations of this first iteration

of the design. We were not able to produce a fully testable probe using this architecture,

but its construction provided very useful insight to be considered for future iterations.

Pros

• The overall size can be kept to the desired specifications of 4× 4 mm2, which is a

state of the art result for a neural probe with such processing capabilities.

• The microwires are mechanically secure thanks to the combination of silicon inter-

poser and glass module, together with their double bend.

• The whole fabrication process can be performed in house in the cleanroom of the

Centre for Bio-Inspired Technology, providing a cost effective solution.

Cons

• The hermeticity of the active circuits is entirely given by the eutectic seal around the

CMOS die. The realization of this seal has proven challenging, with low repeatability.

• The assembly of the microwires (bending and threading through the interposer holes)

is completely manual and particularly time consuming.
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• The microwire attachment to the interposer by electroplating has proven problematic

and unreliable.

• All of the assembly process is carried out at die level, giving a lower repeatability

and proving difficult to automate.

5.3. Second generation ENGINI probe design

Building upon the lessons learned from the fabrication of the first design iteration, we

propose a new concept for the second version of the ENGINI neural recording probe.

Apart from the geometrical differences, also the materials used for encapsulation have

been revised, to allow for a higher level of hermeticity and therefore chronic reliability.

The main idea of the proposed design is to separate the whole probe into two compo-

nents: one is a hermetic micro-package that houses the active electronics and the trans-

mission coil, while the other is a module to support the connection to the microwire

electrodes. The new proposed round shape avoids sharp edges in contact with the tis-

sue. The full glass architecture takes advantage of glass micro-manufacturing techniques,

including glass 3D structuring and glass-to-glass laser welding, which have demonstrated

excellent capabilities and high repeatability [14, 15]. Figure 5.7 is used as a reference for

the following description of the individual parts.

5.3.1. Hermetic micro-package

The top portion of the implant is a micro-package that hosts the CMOS die and the

gold antenna for power and data telemetry. It is composed of a flat interposer and a

cap. These two parts are fabricated out of glass, which is bio-compatible, has a higher

quality surface compared to silicon and allows for the use of glass-to-glass femto-second

laser welding. This is a sealing process that can produce highly hermetic packages, while

keeping a seal width of few tens of micrometers. Also the use of extremely short laser

pulses to locally weld the two glass parts together causes minimal thermal stress to the

surrounding components, and can be performed in the vicinity of CMOS dies [16]. The

interposer has metallised through-glass-vias (TGVs) to allow for the electrical connection

between the IC and the microwires. The metal deposition process for the creation of the

bonding pads on the interposer can be used to simultaneously deposit the coil for the

wireless transmission. This allows the deposition of a thicker coil compared to the on-chip

one used in the first design concept, enhancing inductive coupling and efficiency. The

enhancement is incremented by the use of a glass substrate, since it has lower dielectric

losses compared to silicon. The IC is then flip-chip bonded to the interposer to establish

connections with both the TGVs and the coil. Finally, the glass cap is bonded to the

interposer with the previously mentioned laser welding technique to form the hermetic

cavity protecting the electronics.

106



1 mm

Wire module

Microwires

Cap

Interposer

TGV

CMOS IC

Coil

Hermetic package

Figure 5.7.: Cross-section and exploded view rendering of the proposed neural implant
design. Note the funcitonal separation between the hermetic package and the
wire module.

5.3.2. Wire module

The proposed design builds upon the previous concept of using a glass layer to mechanically

support the microwires. The module consists of a single piece of micro-structured glass.

The total diameter of the part is slightly larger than the one of the hermetic module, to

accommodate it with precise alignment, thanks to the presence of alignment flats on the

side of all three glass components. The wire module has eight central holes (one for each

microwire) and from every one of this holes, a horizontal micro-channel, shallower than

the microwire diameter, spreads radially from the centre, and acts as a guide for the wire.

During the assembly process, the microwires are threaded through the holes and then bent

into these channels. The creation of this L-shaped bend provides additional mechanical

resistance to the wires being pulled out, while at the same time keeping the wire in place

before the final assembly steps. The insulation of the microwires has to be removed in the

bent section, to allow for the electrical contact with the hermetic package’s bond pads.

5.3.3. Prototype fabrication

The fabrication of the glass parts was tested using a Rofin LFS laser cutting system on

a borosilicate glass substrate. Although we were able to produce some samples of the

glass interposer (see Figure 5.8), the resolution of the laser workstation was unfortunately

not sufficient to produce 3D structured parts with sharp edges, like the cap and the wire
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Figure 5.8.: Borosilicate glass sample of the interposer with TGVs, fabricated using a Rofin
LFS laser workstation.

(a) (b)

1 mm

(c)

Figure 5.9.: Prototypes of the three implant components manufactured form plastic resin
using 3D printing: (a) interposer, (b) cap, (c) wire module. Comparing the
interposer (a) with the similar part fabricated in glass shown in Figure 5.8,
it is possible to notice the higher feature resolution obtained with the 3D
printing process, which is able to produce smaller and closer via holes.

module. A laser micromachining system with a smaller laser spot size should be able to

achieve higher aspect ratio structures, with better defined edges.

Nevertheless, to validate the design of the probe the parts have been fabricated to scale

using 3D printing on the Figure 4 printer by 3D Systems. This gives us the opportunity

to evaluate handling of the parts and the assembly method, even though the materials are

not the same as the initial design. The printed parts are presented in Figure 5.9.

5.3.4. Prototype assembly

Once the various parts have been fabricated, the assembly consist of inserting the mi-

crowires in the corresponding holes and bringing the two parts of the probe together. As

noticed during the assembly of version 1 of the ENGINI probe, threading the microwires

is usually the most laborious task when assembling such devices. To help facilitate this

process, a dedicated support has been designed (see Figure 5.10a) and fabricated using

the same high resolution 3D printing process already employed for the implant prototype.

It consists of a bottom mounting plate with a recess in the same shape of the wire module,

and with similarly aligned through holes. The microwire module is then placed in its
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Figure 5.10.: Assembly platform of the 3D printed probe prototype: (a) Diagram of the
platform for microwire insertion. Only one microwire module is depicted, but
the top and bottom plates are designed to hold several modules at the same
time, as shown in the next figure; (b) Platform for microwire insertion. Note
the three microwire modules inserted into their respective slots, and the M2
screws for height adjustment (the top plate is absent to make the microwire
modules visible); (c) Fully assembled plastic prototype of the probe.

housing, and a top mounting plate holds it firmly in place by clasping its sides. This is

necessary since the individual wire modules are extremely light and can move around very

easily during the assembly. The threading of the microwires can now be carried out with

a very stable support. The microwires are inserted in the wire module from the top, and

threaded all the way through the bottom plate. This operation was initially accomplished

by hand, but it might be improved and sped up in the future with the use of a fine placer

for automatically feeding the microwires with very high positional accuracy. After the

wires are inserted in their respective vias, they are cut and bent into their corresponding

micro-channel, as explained in the previous section. As a guide to simplify the process,

the thickness of the top mounting plate is chosen to correspond to the height at which the

microwire is cut. A further adjustment is provided by four screws at the corners of the

mounting plates. Aside from firmly securing the top and bottom plate together, they set

the height of the whole assembly jig from the support surface, thus adjusting the length
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of the microwires exposed under the implant to the desired measure.

At this point, the last step is to align and insert the hermetic package in the wire

module, so that the solder bumps of the former make contact with the bent portion of

each microwire. A drop of glue or epoxy resin in the middle of the wire module can help in

securing the assembly (see Figure 5.10c). Once finished, the probe can be dip-coated in a

bio-compatible polymer, such as PDMS or Parylene-C, as an extra layer of encapsulation.

This will also make the outside of the probe softer and more compliant with the tissue.

5.3.5. Design outcomes

The design concept presented here improves on the previous iteration by separating the

two main modules that compose the probe. This is a unique feature that introduces the

following benefits:

• it allows to have two separate fabrication processes, specifically tailored to each

part’s requirements. The head part has strict hermeticity constraints, but since its

fabrication is conceptually similar to a generic glass-packaged MEMS, it can therefore

profit from a more streamlined, high yield production method. For example, this

part can be fully fabricated at wafer level, from TGVs creation to pads and coil

metallization, IC bonding and final cap glass laser welding. The same laser micro-

machining workstation that performs the welding can be used to then dice the wafer

into individual devices. On the other hand, the wire module does not demand the

same level of exactitude, and can be more easily produced in house.

• it makes the probe more versatile. It is in fact possible to use the same top part and fit

it to different wire modules. This gives the possibility of experimenting with various

microwire arrangements, materials, diameters, and coatings. Also, by eliminating the

requirement on the matching between via holes and microwire diameter, it greatly

simplifies the threading process.

• it increases the production yield, by splitting the fabrication process into two parallel

procedures. In case of failure of one of the two parts during one of the production

steps, the whole probe does not have to be discarded. Also, the hermetic package is

fully testable as a standalone device by probing the contacts under it, to allow for

the validation of the electronics before the complete assembly.

Moreover, the design of the probe has been carried out keeping in mind the ease of im-

plantation, and it is compatible with the syringe-like insertion device specifically developed

by Mr Matthew Cavuto [17]. This device allows for a smooth insertion of the microwires

in the cortex while preventing their buckling, which would otherwise occur because of the

pressure excerpted during insertion and the elasticity of the brain tissue.
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While the mentioned advantages show the promising potential of the device, it is worth

noting that the design of this prototype is not definitive and would require validation

through both in vitro accelerated life tests and in vivo experiments.

Also, the fabrication process of the probe takes advantage of glass micro-manufacturing,

which can produce very high quality devices, but it is not a widespread manufacturing

method and requires expensive equipment, requiring high initial costs even at the proto-

typing phase. Even though the price per unit would scale down with the growing amount

of implants produced, this type of manufacturing currently cannot compete with the highly

parallel processes of semiconductor production.

A further point of optimization is in the assembly process of the probes. Although a

significant improvement in the time required for the assembly has been achieved compared

to version 1 of the implant, it is still based on a manual operation. The transition to a

fully automatic assembly will therefore require some modifications in the platforms and

tools described in subsection 5.3.4.

It is important to underline that the ENGINI project is an ongoing endeavor, and

multiple solutions for the realization of the implantable probe are being considered. Aside

from the glass concept proposed here, another modular approach using a cofired ceramic

base plate with embedded metal tracks is in development. This approach also takes

advantage over other techniques currently under investigation, like the gold to gold thermo-

compression bonding between gold stud contacts on different substrate materials, such as

silicon and ceramic.

All of the above considerations underline the final objective of delivering an effective

next generation neural recording interface which might in the future be translated into an

approved medical device.

5.4. Conclusions

In this chapter we have described the design process of a millimetre-scale cortical neural

implant. The choices of materials and device form-factor have been justified in regards to

the desired application of the implant within the scope of the ENGINI project.

A first version of the implant was realized to act as proof of concept, and it allowed

us to understand the most critical phases of the implant fabrication and assembly. In

particular the handling of the microwires and their integration within a silicon die has

proven particularly challenging, as well as bonding together the various parts that form

the implant in a reliable and time efficient process.

The second version of the probe’s design was built upon the experience of the previous

iteration. Although still in its early prototype stage, this second design provided significant

improvements, and brought us to the following considerations:

• It has proven beneficial to divide, whenever possible, the fabrication process in inde-

pendent, parallel tasks. This can be achieved with a modular design, and it allows
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for a quicker fabrication time and a reduced chance of damaging the limited CMOS

dies. It also allows for experimenting with different microwire lengths, diameters,

and materials, thus proving to be a useful research tool.

• The design of the device must go together with the design of the required tools

for a streamlined device assembly. Only by doing this it is possible to optimize

otherwise laborious tasks like manual microwire threading. The overall fabrication

yield greatly benefits from the use of dedicated assembly jigs and tools.

While providing us with the mentioned insights, the second version of the probe is not

a final design. Here are the main points of improvement that have been identified with

the benefit of hindsight:

• The construction and assembly of the probe still require a considerable amount of

operations performed by hand, mostly concerning the handling of the microwires. A

possible strategy to investigate would be to partially embed the eight microwires of

each probe into a flexible substrate, to keep them together during assembly. Such

substrate could be engineered to be soluble once the fabrication is complete, or could

even be exploited to deliver medications at the implantation site.

• The assembly platform proposed here, although partially scalable, is suitable for

small numbers of devices to be produced at the same time. The need for a higher

number of units would require a rethinking of such platform, which should also

consider the use of automated processes. A first step in this direction that could

have been implemented in the current platform would have been the use of self

aligning features and marks in the two plates of Figure 5.10a.

• The suggested use of advanced glass micro-manufacturing techniques, while allowing

for highly hermetic devices, could not be performed in house while at the same

time outsourcing the fabrication of the glass parts was difficult because of the high

tooling costs. A technology like 3D laser micro-structuring of glass requires dedicated

equipment, and its use can become more affordable when producing a high number

of samples, but not for initial prototyping.
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6. Conclusion

Understanding the human brain and unravelling its mechanisms is one of the greatest

unsolved challenges of our time. Despite the vast amount of research dedicated to the

endeavor, the mysterious nature of our brain still eludes us. The technological revolution

we are witnessing seems to finally provide the instruments necessary to unlock the profound

secrets of the brain.

The challenges are many and distributed across multiple domains: from medicine and

biology for the study of tissue and cell behaviour, to hardware design to build the required

system for interfacing the neurons with the electronics, to software and signal processing

to decode and interpret efficiently the acquired signals.

However, the issue that seem to mostly stand in the way of the research efforts on their

transition to become established medical devices, is given by the chronic degradation of the

performances of implants. Even worse, the higher the required resolution is, for example

to decode complex motor tasks, the more such degradation manifests itself early on.

This work tackles the aspect of cronicity, both from an investigative point of view, pro-

viding instruments and test structures to evaluate the causes of performance degradation,

as well as suggesting solutions for the realization of neural implants that can work reliably

and effectively over long periods of time.

6.1. Summary and original contributions

This section provides a summary of the chapters of this thesis, focusing on the results

achieved and original contributions of the research work. The related scientific publications

can be found in Appendix A.

Chapter 2

A review of the main available tools for sensing brain activity is presented, with particular

focus on invasive neural interfaces and the challenges associated with these technologies.

The case for reducing the size of the implanted devices is made, and the current design

trends for miniaturized neural interfaces are presented. Within these solutions, the main

features of the ENGINI system are introduced to set the framework of the research work.
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Chapter 3

This chapter introduces the issue of hermeticity in implantable electronic micro-packages.

The ability to resist water damage is an essential feature to ensure reliable and safe device

operation. The proposed solution is to equip the implant with an on board humidity sensor

that can sense the presence of water inside the micro-package, thus providing insight on

seal quality and implant life span. In particular, the following outcomes are achieved:

• A novel integrated humidity sensor is designed, based on a interdigitated capacitive

structure. The miniaturized sensing area, down to 300× 300 µm2, allows for the use

of the sensor in sub-millimetre devices. The geometry of the sensor also requires

minimal post processing, with strong integration within the active CMOS circuitry

of the implantable device.

• In order to set the geometrical parameters of the humidity sensor for optimizing its

performance, a custom application is built using Matlab. The results of the appli-

cation are validated using multiphysics modelling in COMSOL. Given its features,

the use of the Matlab script can be extended to the design of IDC structures for a

larger variety of applications.

• The use of an off the shelf humidity sensor is investigated for operation in millimetre-

sized packages that employ eutectic bonding to achieve hermeticity. The calibration

curve of the commercial sensor is tested through the high temperature cycle typical of

the AuSn eutectic process, to verify if it would withstand the bonding process. This

procedure, conducted with the use of a custom solderless PCB platform, validates

the use of the sensor in applications that require this type of bonding process to

create a hermetic package.

• The same commercial sensor is used in the context of a bench top testing platform

of package hermeticity using optical telemetry. This can prove to be a useful tool to

evaluate the quality of the seal of fabricated hermetic packages.

Chapter 4

This chapter presents the problem of moisture penetration within silicon substrates and

their subsequent degradation due to corrosion. This phenomenon is of general interest for

the lifetime of silicon-based devices, but becomes a primary concern when dealing with

implantable devices. To better understand this process, two paths are followed: one is the

use of test structures for accelerated life tests, the other is the design of on board circuits

to detect water infiltration within the silicon layers. The outcomes of this work are the

following:

• Four different types of structures are specifically designed using commercial CMOS

technology for accelerated life testing. They include three different types of inter-
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digitated capacitors, and various single MOSFETs topologies. These devices, coated

in silicone, are used in an experimental setup, where they are constantly monitored

for failure while immersed in PBS solution. The results of these experiments have

provided useful insights regarding the devices’ capabilities to withstand degradation

caused by moisture penetration inside the porous polymer layer, and its effect on

the passivation surface and on the silicon dioxide layers.

• Two novel impedance sensing circuits are proposed. They are designed to be in-

tegrated on the active die of an implantable device, and their aim is to sense the

presence of moisture diffusing within the oxide layers of a CMOS stack. To perform

the sensing, these instrumentation circuits take the innovative approach of using the

metal traces of the scribe line within the silicon chip.

Chapter 5

In this chapter, the challenges related to the fabrication of microwire-based neural im-

plants are highlighted, together with the importance of material choice for long lasting

implantable devices. Building upon these considerations, two design iterations for a minia-

turized cortical neural implant are developed, in compliance with the architecture proposed

in the ENGINI project. The specific contributions are the following:

• A first proof of concept version of the implantable probe is designed and fabricated.

It is based on the use of two interposer layers, a silicon one and a glass one, that

provide mechanical rigidity to the implant and protect the microwires’ attachment

to the electronics. However, the overall assembly of this probe proved to be problem-

atic, with adhesion problems between different components, finally compromising its

functionality.

• The second version of the probe is designed, targeting the critical issues faced in

version one. In particular the proposed design employs highly hermetic glass as

packaging material, and it adopts a parallel fabrication strategy, splitting the probe

architecture into two subsystems, in order to increase the production yield. This

second design is prototyped using 3D printed plastic materials to validate the probe

dimensions. A dedicated assembly jig is also proposed and demonstrated, to reduce

the complexity of manual operations required when attaching the microwires.

6.2. Future work

The research presented in this thesis has targeted the topic of long-term reliability of

implantable neural microsystems, envisioning a new form factor for cortical recording

devices, as well as proposing ad hoc circuits to monitor and diagnose device failure. The

obtained results are part of the continuing effort towards the realization of next generation
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of neural interfaces and the work introduced in this dissertation would greatly benefit from

further developments in each of its research areas.

Humidity sensing in micro-packages

A full characterization of the capacitive humidity sensor should be performed. This un-

fortunately could not be performed in time due to severe delays in materials delivery.

Consequently, the sensor could be further optimized for an even smaller footprint, and its

operation further integrated with the rest of the neural probe subsystems, for example by

adding a digital reading for the output. In addition, it would be worth investigating a

possible integration between the IDC electrodes and the antenna used for data telemetry,

since both devices benefit from larger metallization volume on the CMOS die.

The work on the humidity sensor integrated with an optical link across the encapsula-

tion of a micro-package could be expanded to obtain a reliable experimental platform to

characterize the efficacy of different packaging materials and bonding processes.

Moisture ingress and corrosion in implantable silicon devices

The accelerated life experiments using the proposed test structures are still undergoing,

and continue to provide insightful results on the lifetime of electronic implantable devices.

It would be useful to further exploit the experimental setup, which is suitable for testing

a larger variety of samples and different CMOS technologies.

The two circuit topologies for impedance measuring should be validated in silica. In

particular it is necessary to verify that the novel use of the scribe line’s metal layers as

sensing electrodes does not produce undesired effects on the lifespan of the CMOS die.

Design of miniaturized microwire-based cortical implants

The prototype of the ENGINI probe described in this thesis demonstrates a new form

factor for microwire-based wireless neural implants. However the design requires proper

validation with the use of glass as hermetic encapsulation. It is also worth to explore the

use of other hermetic materials, like cofired ceramics, and the overall optimization of the

assembly process for larger production.

A further aspect to consider is the integration of the probe with the surgical tools,

and its possible use as delivery vessel for targeted therapy. An example is the promising

research towards the use of bio-active coatings that stimulate cell regrowth and prevent

tissue scarring.

These three research domains are part of the larger scientific effort to deliver a new gener-

ation of BCIs, based on very high node count and wireless telemetry. This is the paradigm

pursued by a large portion of the current academic and industry research, and might be
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the future of treatment for a variety of neural diseases that impact the lives of millions of

people worldwide.

6.3. Final thoughts

I would like to conclude this thesis with a personal reflection on my PhD journey and the

future of brain interfaces.

At the start of the doctorate my research was mainly focused on electronics and sensor

design. During the years of the PhD, through a series of unpredicted circumstances, I

was more and more exposed to working on the form factor of a miniaturized cortical

implant, dealing with materials and fabrication processes. This allowed me to gain a

broader perspective of the field of neural interfaces, which I found extremely stimulating.

At the same time, the subject of BCIs was suddenly brought to the attention of the

general public and press, thanks to a few resounding announcements made by giant tech

companies and entrepreneurs. This created a lot of legitimate interest, but it also brought

along some inevitable misinformation and sensationalism. In light of these events, I am

grateful that the PhD research provided me with the tools to critically discern reliable

information from dubious statements, and to navigate this exceptionally broad field of

study, whose complexity spans from interactions at the molecular level up to the meaning

of consciousness itself.

It is also my hope that the modest contribution of this research work could be a re-

minder for future researchers about the importance of practical aspects that are too often

overshadowed by more captivating topics. Keeping in mind that the well-being of people

is the ultimate goal, the issues of reliability, safety, and security cannot be considered of

secondary relevance. The realization of an implantable BCI that can seamlessly interface

with the central nervous system while retaining its functionalities for years of operation, is

an endeavor that requires a multidisciplinary and holistic approach, with a close synergy

between all disciplines, from medicine to biology, from engineering to computer science,

with the health of people as preeminent aim.
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The following parts of this thesis include work previously published as research papers.

Chapter 2 includes content from:

• K. M. Szostak, P. Feng, F. Mazza, and T. G. Constandinou. “Distributed neu-

ral interfaces: challlenges and trends in scaling implantable technology”. Springer

Handbook of Neuroengineering. Currently under review

Chapter 4 includes content from:

• F. Mazza, Y. Liu, N. Donaldson, and T. G. Constandinou. “Integrated devices

for micro-package integrity monitoring in mm-scale neural implants”. 2018 IEEE

Biomedical Circuits and Systems Conference (BioCAS)

• C. Lamont, F. Mazza, and N. Donaldson. “A Bayesian Demonstration of Reliabil-

ity for Encapsulated Implanted Electronics”. 2019 9th International IEEE/EMBS

Conference on Neural Engineering (NER), p. 730-733

Chapter 5 includes content from:

• K. M. Szostak, F. Mazza, M. Maslik, L. B. Leene, P. Feng, and T. G. Constandi-

nou. “Microwire-CMOS integration of mm-scale neural probes for chronic local field

potential recording”. 2017 IEEE Biomedical Circuits and Systems Conference (Bio-

CAS)

• N. Ahmadi, M. L. Cavuto, P. Feng, L. B. Leene, M. Maslik, F. Mazza, O. Savolainen,

K. M. Szostak, and others. “Towards a distributed, chronically-implantable neural

interface”. 2019 9th International IEEE/EMBS Conference on Neural Engineering

(NER), p. 719-724
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