<]
TUDelft

Delft University of Technology

Low-Power Active Electrodes for Wearable EEG Acquisition

Xu, Jiawei

DOI
10.4233/uuid:0f80a5f1-d81f-4f1d-b6ae-01289f8dfef0

Publication date
2016

Document Version
Final published version

Citation (APA)
Xu, J. (2016). Low-Power Active Electrodes for Wearable EEG Acquisition. [Dissertation (TU Delft), Delft
University of Technology]. https://doi.org/10.4233/uuid:0f80a5f1-d81f-4f1d-b6ae-01289f8dfef0

Important note
To cite this publication, please use the final published version (if applicable).
Please check the document version above.

Copyright
Other than for strictly personal use, it is not permitted to download, forward or distribute the text or part of it, without the consent
of the author(s) and/or copyright holder(s), unless the work is under an open content license such as Creative Commons.

Takedown policy
Please contact us and provide details if you believe this document breaches copyrights.
We will remove access to the work immediately and investigate your claim.


https://doi.org/10.4233/uuid:0f80a5f1-d81f-4f1d-b6ae-01289f8dfef0
https://doi.org/10.4233/uuid:0f80a5f1-d81f-4f1d-b6ae-01289f8dfef0

Low-Power Active Electrodes for
Wearable EEG Acquisition

Jiawei Xu






Low-Power Active Electrodes for
Wearable EEG Acquisition

Proefschrift

ter verkrijging van de graad van doctor
aan de Technische Universiteit Delft,
op gezag van de Rector Magnificus prof.ir. K.C.A.M. Luyben;
voorzitter van het College voor Promoties,
in het openbaar te verdedigen op
maandag 27 juni 2016 om 10:00 uur

door

Jiawei XU
Elektrotechnisch ingenieur,
Master of Science van Technische Universiteit Delft, Nederland
geboren te Baoding, China



This dissertation has been approved by the
promotor: Prof. dr. K.A.A. Makinwa
promotor: Prof. dr. C. Van Hoof

Composition of the doctoral committee:

Rector Magnificus chairman
Prof. dr. K.A.A. Makinwa TU Delft EWI
Prof. dr. C. Van Hoof KU Leuven

Independent members:

Dr. ir. E. Cantatore TU Eindhoven
Prof. dr. R. Thewes TU Berlin

Dr. ir. M.A.P. Pertijs TU Delft EWI
Prof. dr. ir. W.A. Serdijn TU Delft EWI

Prof. dr. P.J. French TU Delft EWI



CONTENTS

1 INTRODUCTION ..cciiecrceeeeeresescssnssossensassssnssssssassssssnsassssasssssssssssssensassssansssssnnsssse 1
1.1  Wearable EEG DeVICES....ccouuiiiiieiiiciieeceeee et et 1
1.2 Prior-Art EEG SyStems ........ccccoouviviiiiiiiiiiiiiiiiceeccccns 4
1.3 A Promising Solution: Active Electrodes..........ccccceeuieiiiiininnnnnnnns 5
1.4  Challenges in Active Electrode Systems.........c.cccccovvvriireriiiccnennnn. 7
1.5 Thesis Contributions and Organization ............cccccccevivininiiiiinnnnns 9

2 REVIEW OF BIO-AMPLIFIER ARCHITECTURES ...ceevveeeeeceereeresensececeressssssscesesees 13
J22% N o U5 o Yo L 6Tl o 7o) s UOUU R 13
2.2 Bio-Amplifier Design Techniques.........c.cccocovurueiiiiicinininnnnrcennen. 13
2.3 Bio-Amplifier Architectures.........ccccocoioiinnrnininiicciccrnrrcceees 17

3 AN ACTIVE ELECTRODE READOUT CIRCUIT ...uuuuuueeeereerrsssssssssssssssssssssssssssssns 29
G0 A a5 o Yo L6 el # (o ) o WU 29
3.2  IC Architecture OVEIVIEW ....c..cooiiivuiiieieiieeeeeeeetee et enee s 29
3.3  Active Electrode ASIC ...ttt 30
34 Back-ENd CMFB IC ...ttt st 41
3.5 MeEASUTICINENE....cciiiiiiieiieeeee ettt eeetae e e e e e eearae e e e e e esesanaees 45
G T @) Tl AT <) Lo ) 1= SRR 55

4 AN 8-CHANNEL ACTIVE ELECTRODE SYSTEM ......ccoceeeeernneeecrrneeeccns 59
5 N o o Yo L6 Tl u (e s ORI 59
4.2 IC Architecture OVEIVIEW ....cccouiiiieeiiiiieieeeeeeee ettt e e 60
4.3  Active Electrode ASIC ...ttt 65
4.4 Back-End Analog Signal Processing ASIC.........cccccceeuecciininncncnene. 70
45 MEASUICIMENL....uuveeiieeieeiiiieeieeeeeeiiireeeeeeeeeeiareeeeeeeeestareeeeeeesesssreseeeeeennnns 72
4.6 A 4-Channel Wireless EEG Headset ........ccccoeevvevvieveeivieeceeeceecevee e 78
4.7 CONCIUSIONS ..ottt ettt et e e e st e e e saaeesseastesessaeesenneeas 80

5 CURRENT NOISE OF CHOPPER AMPLIFIERS....cccccesssreeeeerecssssssneessescsssssssnaneese 83
(ST BN o\ o Yo L6 Tl 5 Te) s VO RRR 83
5.2  Chopping and Current NOISe .........ccoeeiviiiiininiiiniiiinccce 83
5.3 Current Noise ANalysis........c.ccovvriiiiiiiiiiiiiinicccces 84
5.4 Current Noise Measurement......ccc..ceeieeveueeeeeeiieiiiiiieeeeeeesineeeeeeeeeesnnes 91

5.5 A Dedicated Noise-Testing Chip..........ccccoeveeiniiiiiiinieieccee 104



5.6 Methods of Reducing Current Noise
5.7 Conclusion........cccccovvueucucucnne.

6 A DIGITAL ACTIVE ELECTRODE SYSTEM

6.1 Introduction..........cceeevervennnee.
6.2 IC Architecture Overview
6.3  Analog Signal Processing
6.4 Digital Interfaces
6.5 CMRR Enhancement
6.6 Measurement.........c.cceeeveennen.
6.7  Conclusion.......ccecevververeereeennnne

7 CONCLUSIONS

7.1 Introduction........ccecceveevvneennns
7.2 SUmMMary......neienenenenns
7.3 Future Work ......ccocouvvevenveennns

SAMENVATTING
SUMMARY
ACKNOWLEDGEMENTS
ABOUT THE AUTHOR

LIST OF PUBLICATIONS

145
149
151
153
155



CHAPTER 1

INTRODUCTION

1.1 Wearable EEG Devices

In modern clinical practice, scalp electroencephalography (EEG) measurement
is the most important non-invasive procedure to measure brain electrical activ-
ity and evaluate brain disorders. Electroencephalograms (EEGs) represent the
brain’s spontaneous electrical activities by measuring scalp potentials over
multiple areas of the brain (Figure 1.1), so the strength and distribution of such
potentials reflects the average intensity and position of a group of underlying
neurons. As a non-invasive method, EEGs play a vital role in a wide range of
clinical diagnosis, such as epileptic seizures, Alzheimer's disease and sleep dis-
orders [2]. Furthermore, EEGs are also finding increasing popularity in non-
clinical neuroscience and cognitive research [3]. Typical applications are Brain
Computer Interfaces (BCI), neurofeedback or brain function training.

> EEG 5-300 uV
<100 Hz
0.01-5 mV
[ ECeG <200 Hz
<1mV
LFP
Spikes <200 Hz

/ ~500 pv
0.1-7 kHz

Figure 1.1 Different signals from the brain [1], including macroscopic signals, namely
EEG and Electrocorticography (ECoG), and microscopic signals, namely local field po-
tentials (LFPs), and action potentials or spikes.



During the last decade, there is a growing need towards continuous
monitoring of brain activities in remote patient monitoring, health and well-
ness management due to the increased prevalence of chronic diseases, and the
need to decrease the length of hospital stays [4]. The huge market demand, to-
gether with the advances in electronic manufacturing techniques, has acceler-
ated the evolution of power-efficient and miniaturized wearable devices for
biomedical applications (Figure 1.2), with long-term monitoring and user-
friendliness being the key drivers.

The global market for wearable medical devices (2011-2018)
2,500 Source: Transparency Market Research
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Figure 1.2 Market growth trends of wearable technology [5]. The global market for
wearable medical devices was valued at USD 750 million in 2012 and is expected to
reach a value of USD 5.8 billion in 2018, growing at a compound annual growth rate
(CAGR) of 40.8% from 2012 to 2018.

Although the first human EEG recording system was invented in 1924, a
personalized EEG device (Figure 1.3 a) for residential monitoring was not
available until the 1970s [6]. Later, ambulatory EEG systems (Figure 1.3 b) and
portable EEG devices (Figure 1.3 c) in principle gave users sufficient mobility
during the recording. However, these devices are still bulky and power hungry,
and are therefore unsuitable for long-term and continuous EEG recording.



a) First EEG recording

c) Portable EEG system d) Wearable EEG system

Figure 1.3 Evolutions in EEG readout systems: a) the first recording of human EEGs by
Hans Berger [7], 1924; b) a 192-channel EEG system [8], Nihon Kohden, 1999; c) a port-
able EEG-based BCI system [9], g.tec, 2003; (d) a 4-channel wireless EEG headset [10],
imec/Holst Centre, 2013.

Most recent advances in biomedical techniques, sensors, integrated cir-
cuits (ICs), batteries, and wireless communication have sped up the develop-
ment of real “wearable” EEG monitors. For example, a miniature, lightweight,
battery-powered wireless EEG recording unit (Figure 1.3 d) can be implement-
ed inside various easy-to-use form factors [10]-[12], such as caps, headsets or
helmets. These EEG units collect raw data of brain activities during a user’s
daily routine, which can then be used to extract biomarkers and to determine
personal trends for emotion, behavior, disease management, and wellness ap-
plications.

This thesis presents a new generation of energy-efficient EEG signal ac-
quisition ICs, which are typically the core of an EEG monitor and dominate its
overall performance. The design methodologies and detailed implementation
of the ICs towards wearable applications are discussed.



1.2 Prior-Art EEG Systems

As a standard practice, a basic EEG acquisition instrument contains three elec-
trodes, three lead wires and an instrumentation amplifier (Figure 1.4). The in-
strument records the difference in voltage between one electrode and the refer-
ence electrode. Both electrodes convert ionic current into electric current, and
so the EEG potential represents voltage fluctuations resulting from ionic cur-
rent within brain neurons. Via two lead wires, an instrumentation amplifier
amplifies the differential EEG potential between these two electrodes.

A third electrode, namely the bias electrode or ground electrode, helps
keep the body's DC voltage level in-line with the readout circuits to properly
amplify the EEG signal. Without the bias electrode connected to the body, the
electrode potentials may drift and, eventually, saturate the IA’s input.

In the electrical domain, the electrode-tissue interface can be modeled
as a complex impedance in series with a DC voltage source, which represents
the polarization voltage between skin and electrode (Figure 1.5).

Vbc1 Zelect

1A

Figure 1.4 Acquiring an EEG signal using (passive) electrodes and a differential instru-
mentation amplifier.

The biggest challenge facing designers of wearable EEG systems is
achieving improved user comfort, long-term monitoring capability with medi-
cal-grade signal quality. Unfortunately, prior-art EEG systems rarely meet all
these requirements.
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Figure 1.5 Equivalent electrical model of the electrode-tissue interface [13].

One major drawback of prior-art EEG systems is their dependence on
gel or Ag/AgCl electrodes. Wet conductive gel reduces skin-electrode imped-
ance and the associated artifacts or interference induced by cable motion.
Therefore, wet electrodes are extensively used in clinical practice. However,
wet electrodes require skin preparation and professional personnel to place
them properly. In addition, the gel can dry out and therefore requires frequent
replacement of electrodes to maintain signal integrity. These drawbacks really
limit the use of wet electrodes in wearable EEG applications.

Dry electrodes, on the other hand, facilitate long-term EEG measure-
ments as well as greater user comfort. However, this comes at the expense of
reduced signal quality due to the larger skin-electrode impedance (Figure 1.5),
which can be as high as a few MQ at 50/60Hz [14][15] and which significantly
increases interference pickup from the environment. Dry electrodes thus need
to be buffered or shielded in order to approach the performance of wet elec-
trodes [16]. Directly connecting dry electrodes to an EEG amplifier via light-
weight non-shielded cables will not ensure good signal quality. Hence, conven-
tional EEG systems (Figure 1.6 a), i.e., passive electrodes connected to differen-
tial biopotential amplifiers through long cables, are ill-suited for the use with
dry electrodes and wearable devices.

1.3 A Promising Solution: Active Electrodes

Active electrodes (AEs) with co-integrated amplifiers solve this incompatibility
problem (Figure 1.6 b). The close proximity of the electrodes to the amplifier



reduces interference pickup, while the amplifier’s low output impedance im-
proves signal robustness to cable motion [16]. Moreover, the signal quality of
dry electrode EEG recording can be maintained without using conventional
shielded cables, which is an attractive feature for low-volume wearable devices.

(==

skin Back-End

a)

skin Back-End

Figure 1.6 Illustration of EEG readout circuits: a) a conventional solution based on an IA,
and b) a proposed solution based on active electrodes.

Early AEs consisted of simple analog buffers, i.e., voltage followers.
Improved designs achieved higher input impedance [17], or required fewer
cables [18][19]. The main limitation of this classic AE topology is its power inef-
ficiency, as an analog buffer only performs impedance conversion without
providing any voltage gain. The succeeding readout circuits still need to meet
the same requirements of low-noise and electrode offset tolerance, leading to
additional power consumption [20].

In contrast, this thesis presents several generations of AE based ICs im-
plemented with power-efficient instrumentation amplifiers (IA). Although in-
terfacing with dry electrodes and reducing the overall system power are the
primary motivations for selecting AE architecture and for adding gain to the
AEs, respectively, the proposed AE systems also aim to achieve performance
that is comparable with that of medical grade systems.



1.4 Challenges in Active Electrode Systems

AEs constitute the first stage of a wearable EEG system, and thus determine its
overall performance. Therefore, AEs have to cope with the same challenges as
conventional differential amplifiers (Figure 1.7):

e Amplifying low-frequency low-amplitude EEG signal

e Interfacing with high impedance between skin and electrode
e Tolerating large electrode polarization voltages

e Suppressing environmental artifacts

e Minimizing system volume and power dissipation

In addition, the AEs also need to solve various practical challenges:

¢ Reducing the component mismatch between AEs.
¢ Minimizing the number of connecting wires

The sections below discuss these challenges in detail.

skin
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Mains Interference

1/f noise, offset

Figure 1.7 Aggressors in the skin-electrode interface and active electrodes.

EEG activity reflects the summation of the electrical activity of thou-
sands or millions of neurons under the scalp. A typical adult EEG has an am-
plitude of about 10V to 100V when measured on the scalp and is about 10—
20mV when measured by subdural electrodes [21]. Most of the cerebral signal
observed in a scalp EEG falls in the range of 1-30Hz (activity below or above



this range is likely to be caused by artifacts, under standard clinical recording
conditions). The EEG rhythmic activity is divided into frequency bands, such
as Delta (<4Hz), Alpha (8-15Hz) and Beta (16-31Hz), which are used to detect
various physiological behaviors. In order to amplify such low-frequency and
low-amplitude potentials, an IA should be carefully designed for low-noise
performance. According to an IEC standard [22], an EEG amplifier should have
a maximum input referred noise of 6(Vpp.

The use of dry electrodes comes with large and variable skin-electrode
impedance, as well as large electrode polarization voltages. To minimize signal
attenuation, AEs must then have very high input impedances. Electrode polar-
ization voltage, or half-cell potential, develops across the electrolyte-electrode
interface due to an uneven distribution of anions and cations [15]. This offset
voltage can be as large as a few hundreds of mV and may saturate the IA. As a
result, the IA should be able to tolerate at least 300mV DC offset [22] while still
maintaining its performance.

Mains interference can be picked up from the environment during EEG
acquisition, because a high impedance (dry) electrode behaves like an antenna.
Although this issue can be mitigated by the use of AE architectures with low
output impedance, AE mismatch can still convert any common-mode interfer-
ence and motion artifact into a differential signal. Such signals can be larger
than the EEG signals, thus reducing the dynamic range of the AE and requiring
complex post-filtering. This can be avoided by designing AE pairs with a high
common mode rejection ratio (CMRR).

A miniaturized multi-channel AE system requires a minimal number of
wires connected to a back-end circuit. This reduces the overall cable weight,
which is especially important when tens of AEs are used for multi-channel
EEG acquisition, or when additional wires are needed for a multi-parameter
measurement [23][24]. A nice example of multi-parameter measurement in-
volves recording EEG and electrode-tissue impedance (ETI) signals simultane-
ously, the latter provides extra information that can be used for impedance
based motion artifact reduction or simple lead-on/off detection.

Finally, an AE system should consume ultra-low-power to maximize
battery life. For example, to realize 24 hours continuous operation with a 3.6V
coin cell battery [25], an AE system, including multiple AEs and a back-end
readout circuit, must consume less than 5SmA. Although a battery with more



energy capacity can be used, its size and weight will be a major determinant of
the system’s form factor.

In summary, a good AE system should balance the tradeoff among dif-
ferent parameters to maximize overall performance, even in the presence of
dry electrodes and the aforementioned aggressors.

1.5 Thesis Contributions and Organization

A complete EEG signal processing chain for emerging body area network
(BAN) applications contains several major building blocks: analog front-ends
(AFE), digital signal processing (DSP), a wireless transmitter and power man-
agement units (PMU). This thesis focuses on the design of AE-based EEG
readout circuits for wearable interfaces, with a special emphasis on instrumen-
tation amplifier (IA) architecture and design for AEs.

The main contributions of this work include the following;:

* Analysis of capacitively-coupled IA architectures. Three types of
chopper IAs are used in AE architectures that balance the tradeoff between
noise, electrode offset tolerance, input impedance, and power consumption.
The overall performance of these AEs is competitive with state-of-the-art bi-
opotential IAs through the use of various circuit design techniques, such as
positive feedback, which increases input impedance by a factor of 5-10 (Chap-
ter 3); digitally-assisted ripple and offset calibration, which reduces these 1A
non-idealities by a factor of 10 (Chapter 3); and a functionally DC-coupled IA,
which enables an input dynamic range of up to +350mV while consuming very
low power (Chapter 6).

* Development of CMRR boosting techniques that overcome the CMRR
limitations imposed by AE gain mismatch. These techniques include a com-
mon-mode feedback (CMFB) circuit that processes the AEs’ outputs, and feeds
their common-mode signal back to each AE (Chapter 3); a power-efficient
common-mode feedforward (CMFF) technique that creates a voltage averaging
node to reduce the AEs’ common-mode current (Chapter 4); and a more gener-
ic CMFF approach that utilizes an analog buffer to drive the AE’s negative in-
put, thus cancelling input common-mode interference before amplification
(Chapter 6).
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¢ Investigation of current noise, which can be a significant noise contrib-
utor of chopper amplifiers. Chopping was observed to cause excess current
noise, which, at high impedance nodes, is converted into voltage noise with a
slope of 1/f2. The origin of this noise is hypothesized to be the charge injection
and clock feed-through of the input chopper. This current noise theory has
been analyzed and experimentally verified (Chapter 5).

*Design of a single-chip digital active electrode (DAE) architecture,
which combines an IA, an ADC and an I?C interface for on-chip analog signal
processing and digitization (Chapter 6). This DAE architecture enables a daisy
chain connection of all DAEs and a generic pC on a two-wire I2C bus, signifi-
cantly reducing system complexity and cost.

The thesis is organized as follows. Chapter 1 introduces the basics of
scalp EEG measurement, dry-electrode interfaces, active electrodes and the
associated design challenges. Chapter 2 reviews the architectures of active elec-
trodes and biopotential IAs, discussing their performance tradeoffs. Chapter 3
presents the use of an AC-coupled inverting IA as an AE. Chapter 4 presents a
complete 8-channel AE-based EEG system, including both AEs and a back-end
analog signal processor (ASP). Chapter 5 describes an experimental investiga-
tion of current noise in chopper amplifiers. Chapter 6 presents a highly inte-
grated digital active electrode (DAE), with built-in IAs, an ADC and a digital
interface on a single chip. Chapter 7 concludes the thesis and gives directions
for future work.
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CHAPTER 2

REVIEW OF B10-AMPLIFIER ARCHITECTURES

2.1 Introduction

Biopotential amplifiers (or simply bio-amplifiers) are the most critical building
blocks of an EEG readout circuit. This is because they constitute its first stage
and so largely determine its noise level, input impedance and CMRR. The ma-
jor specifications of bio-amplifiers for clinical EEG applications are defined and
driven by medical standards (Table 2-1). For wearable EEG devices with dry
electrodes, the electrode-tissue impedance (ETI) can get quite large. As a result,
the required input impedance, electrode offset tolerance, and power dissipa-
tion specifications are even tighter, while the CMRR and noise specifications of
the bio-amplifier itself can be slightly relaxed.

This chapter presents an overview of state-of-the-art biomedical 1As
that can be used as AEs for wearable EEG acquisition, discusses the advances
and drawbacks of different architectures and describes several key circuit tech-
niques to optimize critical specifications such as noise level, input impedance,
electrode offset tolerance, CMRR and power dissipation.

2.2 Bio-Amplifier Design Techniques
221  Chopper Modulation

1/f noise, or flicker noise is usually the dominant voltage noise source of a bi-
opotential amplifier, because the bandwidth of 1/f noise is typically in the order
of a few kHz, which is far beyond the EEG signal bandwidth of 100Hz. 1/f
noise can be reduced by enlarging the size of input transistors. However, using
extremely large input transistors not only increases the chip area but also in-
duces significant parasitic capacitance, causing concerns for reduced input im-
pedance and CMRR.
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Chopper modulation [26] is a widely used technique for reducing an
IA’s low frequency noise and offset without disturbing continuous-time opera-
tion. In addition, by periodically swapping its inputs, chopping increases an
IA’s CMRR by averaging its gain mismatch. The operating principle of chopper
modulation is shown in Figure 2.1, where a low frequency input signal is up-
modulated to a chopping frequency (fc) by a square wave modulator, then this
signal is amplified by an IA and demodulated back to original baseband by
another square wave modulator. On the other hand, the intrinsic offset and 1/f
noise (below the chopping frequency) of the IA are up-modulated to fc by the
second square wave modulator. These residual signals at f., known as ripple,
can be filtered by a low-pass filter (LPF) or otherwise suppressed by a ripple
reduction loop [27].

Table 2-1: Medical standards and proposed specification.

IEC60601-2-26* IFCN** Design Target for
[28] [29] Wearable EEG
Supply Voltage - - <33V
Input Voltage Range ImVpp - >ImVpp
Input Referred Noise 1.5uVep 1V ims
(per channel) 61V 0.51Vrme (0.5-100Hz)
p (0.5-100Hz) '
HPF Cutoff Frequency <0.5Hz <0.16Hz <0.5Hz
Electrode Offset +300mV _ 1300mV
Tolerance
Input Impedance ~100MQ > 100MQ
at 50/60 Hz
CMRR at 50/60 Hz - 110dB >80dB
Power Consumption 3 B <100pW
(per channel)
. Wet electrodes Wet electrodes Dry Elgctrodes
Applications .. .. BCI, Lifestyle,
Clinical Clinical
Wellness

*IEC60601 is a series of technical standards for the safety and effectiveness of medical electrical
equipment published by the International Electrotechnical Commission.
**IFCN stands for International Federation of Clinical Neurophysiology.
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Figure 2.1 Chopper modulation technique to reduce IA’s offset and 1/f noise.

2.2.2  Impedance Bootstrapping

AEs require high input impedance to minimize voltage division via
skin-electrode impedance, especially in the case of a dry-electrode interfaces.
Impedance bootstrapping has been used to improve IA input-impedance in
various ways, but a proper positive feedback loop is always the fundamental
element. In [30] and [31], the IA’s output is fed back to bootstrap its input lead
bias resistor (Figure 2.2 a), achieving very high input impedance suitable for
non-contact EEG sensing. In [32], the input current is partially provided by a
positive feedback loop (Figure 2.2 b), effectively increasing the IA’s input im-
pedance. In both cases, the input impedance can be bootstrapped to be infinite-
ly large. Nevertheless, the amount of the positive feedback, either current or
voltage, must be carefully controlled in order to maintain loop stability.

Ifb <= lib
Vin o G1 oVout
|ibl Rb ...
| ; lin
G2 : o !
Vfb <= Vin | i Vin © Vout
a)

Figure 2.2 Impedance boosting techniques: a) voltage feedback based, and b) current
feedback based.
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2.2.3  Offset Compensation

Electrode offset, up to a few hundreds of mV, can easily saturate an instrumen-
tation amplifier and therefore must be rejected or compensated. AC-coupling
via RC components is the most obvious way of electrode offset rejection, as it
ensures a rail-to-rail electrode offset tolerance without consuming any power.
However, in order to eliminate the use of large passive components for better
area efficiency, or to further compensate the residual offset, a DC-servo loop
(DSL) is usually needed.

A DSL is a very effective and probably the only option for electrode
offset compensation when passive AC coupling is not available. A DSL is
based on negative feedback: the output offset is tracked and fed back to the
input amplifier via current feedback (Figure 2.3 a) [33], or via voltage feedback
(Figure 2.3 b) [34]. Both can compensate a certain amount of input electrode
offset, from a few tens of mV to several hundreds of mV.

™\ o Vin 0—
Vin | V> |-v> Vout IA Vout
. » . °
ldc+ T l Idc-

Integrator Integrator
Vd
Gm f <

~d Vref
a) b)

Figure 2.3 Electrode offset compensation techniques: a) current feedback based, and b)
voltage feedback based.

2.2.4  Driven-Right-Leg (DRL)

There are two mechanisms that limit the practical CMRR of an EEG acquisition
system: mismatch of electrode-tissue impedance (ETI) and gain mismatch of
the AEs. The former can be mitigated by maximizing the AE’s input impedance,
while the latter can be reduced by chopping. Unfortunately, chopping between
two AEs is not practical for an AE-based system, where the AEs are mounted
on separate electrodes and are placed far from each other. As a result, the com-
ponent mismatch of the AEs usually leads to a low CMRR (< 60dB).
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The most well-known circuit for CMRR enhancement is the Driven-
Right-Leg (DRL) circuit (Figure 2.4) [35], where the common-mode (CM) input
signal is tracked and fed back to the subject through a third electrode, i.e., the
bias electrode. Since the electrode-tissue impedances (Z. and Zx) are also in the
feedback loop, the DRL technique improves CMRR by reducing the common
mode impedance to the IA, resulting in less pickup of common mode signals
from the human body. However, large (external) capacitors (a few nF) and cur-
rent limiting resistors (a few 100kQ) are required to make the loop stable.
When dry electrodes are used, it becomes difficult to achieve stability over a
wide impedance range (100kQ-10M(2), when both electrode offset and elec-
trode impedance mismatch exist.

& Ze
1

N A

g =
Ze
CM
input
Zrl

Figure 2.4 Driven-Right-Leg (DRL) circuit for CMRR enhancement.
2.3 Bio-Amplifier Architectures
2.3.1 Analog Buffers

Most AEs have been simple analog buffers. This confers advantages in terms of
large input dynamic range, low output impedance, and low gain variation.
Without any added functionality, a buffer requires only a 3-wire connection
(Vag, Vss and Vou) to the back-end electronics. Several variants have been pub-
lished with even fewer wires. In [36], the buffer’s analog output is shared with
the negative supply voltage of the buffer in a single wire through a current
driver, at the cost of less input dynamic range (Figure 2.5 a). Similarly, in [37],
the analog output is shared with the positive supply voltage (Vad) of the buffer,
however, this requires higher supply voltage and power dissipation (Figure 2.5
b).
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Figure 2.5 IC techniques to reduce the number of wires of an AE: a) analog output
shared with the negative supply voltage of the buffer, and b) analog output shared with
the positive supply voltage of the buffer.

a)

A major drawback of buffer-based AE systems is their power efficiency:
the buffer requires significant power to meet a low noise specification. Howev-
er, the buffer only performs impedance conversion without providing any
voltage gain nor rejecting electrode offset. The subsequent back-end circuit still
needs to tackle the same challenges of low noise and large DC tolerance, lead-
ing to additional power consumption. A detailed power comparison of AEs,
implemented with buffers or amplifiers, will be presented in Chapter 3.

2.3.2  Inverting AC-coupled Amplifiers

An inverting amplifier with resistive feedback (Figure 2.6 a) is rarely used in
biomedical application because the input resistors generate noise and deter-
mine IA’s input impedance. Compared to resistive feedback IAs, AC-coupled
amplifiers with capacitive feedback (Figure 2.6 b) [38] have been widely used
for wearable and implantable medical devices [39][40] because of their rail-to-
rail offset rejection capability’, area efficiency and low power consumption.
The input coupling capacitor Ci rejects any electrode offset from the leads. Re-
sistors Rz can be implemented with pseudo resistors [38], resulting in resistanc-
es of tens of G(). This feature makes it easy for such IAs to achieve low cutoff
frequencies (< 0.5Hz) with small on-chip capacitors, in the order of several pF.

The power efficiency of a bio-amplifier can be quantified by the noise
efficiency factor (NEF) [41], which represents an IA’s noise and power tradeoff
in a certain bandwidth:

1 Except when using chopper modulation scheme in Figure 2.7 (a)
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2|t0t (2_1)
7-U, -4KT -BW

NEF = Vni,rms \/

where Vhnimsis the input-referred root mean square (rms) noise voltage, It is
the total supply current, Ur is the thermal voltage kT/q, and BW is the IA’s (-
3dB) bandwidth. A state-of-the-art IA with capacitive feedback achieves an
NEF of 1.74 [42] by combining a low supply voltage with current reuse tech-
niques. It exploits the fact that the amplifier’s input is at virtual ground and so
the core amplifier only needs to have a small input dynamic range.

R2
R2
— it
C1
N Vin- o—{F =
Vin- o—} - —oVout
—o Vout Vin+ © i} +
Vin+ o——} + C1
R1

R2
C2 - R2
E a) E] b)

Figure 2.6 Inverting amplifiers: a) resistive feedback, and b) capacitive feedback.

Chopping can further reduce the 1/f noise of this type of IAs. As shown
in Figure 2.7, chopper modulation can be applied at location (a) or (b) to miti-
gate 1/f noise and improve the NEF.

The IAs in [32][43] apply input chopper modulation before the input
capacitor (Figure 2.7 a) to mitigate 1/f noise. One major drawback of this chop-
per IA topology is its limited tolerance to electrode offset, because it is basically
a high-gain DC-coupled amplifier. Although the input DC signal can be par-
tially cancelled by a DC feedback loop (Figure 2.8) [32][43], the tradeoff be-
tween the amount of feedback current and the input noise still limits the max-
imum DC tolerance to a few tens of mV. Furthermore, the input impedance of
this chopper IA is limited by the switched capacitor impedance associated with
its input capacitors. To address these issues, an alternative chopper modulation
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approach places the input chopper inside the capacitive feedback loop (Chap-
ter 3), i.e., at the virtual ground (Figure 2.7 b) [44]. This architecture retains the
benefits of a non-chopped capacitive feedback IA, in terms of high input im-
pedance, large electrode offset tolerance and low power, while mitigating 1/f
noise through chopping. In addition, an impedance boosting loop, a ripple re-
duction loop and an offset calibration loop can be added for even better per-
formance (Chapter 3). A single-ended version of such IAs can also be used as
an AE [45].

R2
C2
{H
C1
Vin- o= H >~
3§ | >—Vout
Vin+ o~ HF +/ —o Vout
C1
C2=— R2 b)
L
—o Vout

Figure 2.7 AC-coupled inverting amplifier with alternative chopping schemes: a) before
the input capacitor, and b) after the input capacitor.

Chp DSL |
— it 7 | i
Chp o Integrator
{}
C1 C2
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Vin+ o HF + ° Vout-
] -

Figure 2.8 Capacitively-coupled chopper amplifier with a DC servo loop.
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2.3.3  Non-inverting AC-coupled Amplifiers

A non-inverting IA (Figure 2.9 (a)) has a single-ended input and, since its input
impedance is determined by parasitic capacitance (Cp), a higher input-
impedance than an inverting IA. AEs utilizing resistor feedback were pub-
lished in [46][47]. However, this is not an area-efficient solution because it re-
quires large and accurate resistors. Moreover, these resistors also increase the
input noise. An alternative solution is a capacitive feedback network (Figure
2.9 (b)) [48][49], which improves the tradeoff between low noise and area effi-
ciency. Moreover, the resulting IA has a DC gain of 1 and so can accommodate
relatively large electrode offsets. However, when chopping is utilized, the in-
creased input bias current, due to charge injection, may create a significant off-
set voltage via the feedback resistor [44]. Therefore, a non-inverting chopper IA
usually incorporates a DC-servo loop (DSL) (Figure 2.9 (c)) for electrode offset
compensation [48][49] (Chapter 4).

R1 C1— '&'
i I

(a) (b)

Figure 2.9 Non-inverting amplifiers with (a) a resistive feedback, (b) a capacitive feed-
back, and (c) a DC servo loop.

2.3.4  Instrumentation Amplifiers

Instrumentation amplifiers (Figure 2.10) are also widely used in biopotential
measurements because of their high input impedance. However, a DC-coupled
IA [50][51] has limited electrode offset tolerance; therefore, conventional IA
architectures are not directly applicable to dry-electrode EEG measurement. A
DC-coupled current-balancing IA equipped with a DC-servo loop [33] solves
this problem (Figure 2.11) by effectively creating an AC-coupled IA. The IA’s
noise is further improved through chopping. However, this IA’s electrode off-
set tolerance is still limited to a few tens of mV because the DC-servo loop is
implemented as a voltage-to-current feedback loop, where a significant amount
of feedback current will be required to compensate a large electrode offset.
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Figure 2.10 Instrumentation amplifiers: a) current feedback architecture, and b) current
balancing architecture.

o— Hxt P o

o— Hxi

=
Ifb- DSL |

Figure 2.11 Current-balancing instrumentation amplifier with a DC-servo loop.
235  “Functionally” DC-coupled Amplifiers

An AC-coupled IA achieves large electrode offset tolerance, but this comes at
the cost of filtering out low frequency signals, which may contain useful infor-
mation, such as low frequency surface potentials [52]. In contrast, a DC-
coupled IA, such as an inverting IA with resistive feedback, a non-inverting
IAs with resistive feedback, or a current feedback IA, preserves such infor-
mation. However, its voltage gain is constrained by electrode offset and supply
voltage and will typically be quite low (<10). As a result, achieving a wide in-
put dynamic range requires a high-resolution ADC (>16b). This, in turn, signif-
icantly increases the system’s power dissipation, especially when multi-
channel (>24) EEG acquisition is required, as each channel needs a power-
hungry ADC [53].
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A “functionally” DC-coupled IA (Figure 2.12) [34] combines the merits
of an AC-coupled IA and a DC-coupled IA, i.e.,, compensating for large elec-
trode offsets with low power while still being DC-coupled. This is realized by
using a voltage-to-voltage feedback (Figure 2.3 b) instead of a voltage-to-
current feedback (Figure 2.3 a), which suffers from the tradeoff between elec-
trode tolerance, noise, and power consumption [43]. Although an external ca-
pacitor is used in the feedback loop to achieve a very low cutoff frequency, the
“functionally” DC-coupled IA (Chapter 6) can cope with a few hundred mVs of
electrode offset, while retaining the same transfer function as a standard DC-
coupled amplifier, except for the DC signal not being amplified.

O
Vout AC Output
y
|1
DC Output c extm X
Ppr) L T
Figure 2.12 “Functionally” DC-coupled IA.
AC Output

—O

DAC| | \

DC Output
Figure 2.13 IA with a digitally-assisted offset compensation.

This architecture is also applicable to a differential EEG amplifier [54],
and the DSL can be implemented in a digitally-assisted manner [55]. Low-pass
filtering in the digital domain has the advantage of power and area efficiency.
However, the electrode offset is fed back to the IA through a DAC, which
needs to be carefully designed to reduce its quantization noise. The digital out-
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put containing the information of electrode offset and extremely low frequency
signals is directly available at the DAC’s input (Figure 2.13).

2.3.6  Summary

Table 2-2 summarizes the advantages and limitations of different bio-amplifier
architectures to evaluate their usability for wearable EEG acquisition. There is
clearly no golden IA architecture with optimum performance because of the
tradeoffs between its various specifications. In addition, when IAs are used as
AEs, the CMRR of a pair of AEs will be limited by the gain mismatch of their
IAs, which is independent of the IAs” intrinsic CMRR, and therefore must be
compensated at the system level. A major goal of this thesis is to explore the
circuit design techniques to maximize the IAs’ overall performance, at both
block level and system level, in order to make them suitable for AE-based EEG
acquisition.

Table 2-2: Comparison of IA Architectures for Active Electrode based EEG Acquisition.

AC-coupled IA DC-coupled IA
AE Architectures | Buffer vertin Non- DC- “Functionally”
vering inverting | coupled | DC-coupled
Electrode Offset . . - .
Tolerance High High Medium Low High
. Noise . Low Low™* Low™* Low Low
(with chopping)
Input Impedance High | Medium™** High High High
CMRR**** )
(of two TAS) High Low Low Low Low
System Power ) High High | High High
Efficiency & & & &

* Electrode offset tolerance is limited by the input dynamic range of the IA.
** Low-frequency noise (<10 Hz) is high due to 1/f? noise contribution.

*** Input impedance is limited by the input coupling capacitors.

** Without CMRR enhancement techniques.
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CHAPTER 3

AN ACTIVE ELECTRODE READOUT CIRCUIT?

3.1 Introduction

In this chapter, an AE with gain is presented, which results in a better noise-
power tradeoff than an analog buffer. The AE is based on an instrumentation
amplifier (IA), which achieves state-of-the-art analog performance, making it
suitable for dry- electrode EEG acquisition.

The IA utilizes an AC-coupled chopper amplifier topology, equipped
with impedance boosting and digitally-assisted offset trimming for improved
performance. As a result, the AE’s input impedance (at 1Hz) is increased by a
factor of 5 and the residual ripple and offset is reduced by a factor of 20 and 14,
respectively. Thanks to the chopping technique, each AE achieves an input re-
ferred noise of 0.8 Vs (0.5-100Hz).

Mismatch between AEs is a dominant contributor of a low CMRR. This
problem is addressed by a back-end common-mode feedback (CMFB) circuit,
which improves the CMRR of a pair of AEs by 30dB.

The AE-based EEG readout circuit is also benchmarked with a conven-
tional EEG acquisition system, demonstrating the AE’s benefits, namely re-
duced sensitivity to cable motion artifacts and mains interference.

3.2 IC Architecture Overview

The proposed EEG readout circuit (Figure 3.1) consists of eight front-end AEs
implemented with eight chopper IAs and one back-end voltage summing am-
plifier for common-mode feedback (CMFB).

2 This chapter is derived from a journal publication of the authors: J. Xu, R.F. Yazi-
cioglu, et al., “A 160uW 8-channel active electrode system for EEG monitoring,” IEEE
Trans on Biomed Circuits and Systems, vol. 5, no. 6, pp. 555-567, Dec. 2011.
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Figure 3.1 Block diagram of the 8-electrode readout circuit.

The front-end AEs are responsible for transparent pre-amplification of
EEG signals. To achieve this goal, several popular design techniques of bio-
amplifiers are combined. Firstly, the AE utilizes a capacitive feedback IA archi-
tecture for rail-to-rail tolerance of electrode offset. Secondly, chopper modula-
tion is performed at the amplifier’s virtual ground to mitigate 1/f noise [56].
Thirdly, the AE includes an input-impedance boosting loop for high input im-
pedance [57]. Lastly, a ripple reduction loop (RRL) and a DC servo loop (DSL)
compensate the intrinsic non-idealities of the chopper IA [58].

The back-end summing amplifier (Figure 3.1) is responsible for CMRR
improvement between multiple AEs. This back-end amplifier performs com-
mon-mode (CM) signal extraction and feeds the input CM voltage of all eight
AEs back to their non-inverting inputs (via Vcwmrs). As a result, the CMFB
scheme reduces the CM gain of these AEs for a high CMRR (see section 3.4).

3.3 Active Electrode ASIC

The AEs, modeled as single-ended IAs, must achieve balanced analog perfor-
mance, i.e., balancing input impedance, electrode offset tolerance, noise, CMRR
and power to facilitate dry-electrode EEG recording. However, state-of-the-art
IAs are not well suited for this application. The capacitively-coupled IA in [57]
has limited input impedance, formed by input switched-capacitor impedance.
Moving the chopper to the amplifier’s virtual ground solves this problem at the
cost of reduced CMRR [56]. A current feedback IA has good input impedance
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and CMRR, but its DC-servo loop limits the maximum electrode offset toler-
ance to 50mV.

This section proposes a capacitively-coupled chopper IA similar to [56],
with inherent capability for large offset rejection and low integrated noise
(100Hz bandwidth). Furthermore, several additional circuit techniques are em-
ployed to enhance its input impedance, output dynamic range and CMRR.

Detailed implementations of the core IA, including the offset trimming
loops (RRL and DSL) and the impedance boosting loop, are discussed in sec-
tion 3.3.1, 3.3.2 and 3.3.3, respectively.

3.3.1 An AC-coupled Inverting Chopper 1A

The IA’s voltage gain is determined by the ratio of its feedback capacitors Ci/C2
(Figure 3.1). Variable gains (3, 10, 50 and 100) can be realized by switching be-
tween different values of Ca. The pseudo-resistor R2 and capacitor C2 determine
the AE’s high-pass cutoff frequency [59]. The coupling capacitor Ci rejects any
electrode offset in a power efficient manner. Furthermore, the IA (Figure 3.2)
must have a large output dynamic range to accommodate (large) input motion
artifacts and interference, superimposed on an EEG signal. Therefore, the core
IA utilizes a folded cascode OTA, known for a good balance between output
voltage swing and power consumption.

Chopper modulation is used to achieve low noise. The input modula-
tor is placed before input transistors (M1 and M2), up-modulating the IA’s in-
put signals. The output modulation is performed at the low impedance nodes
before the dominant pole (at Vou), such that the chopping frequency is not lim-
ited by the IA’s bandwidth [60].

The IA also consists of two pairs of auxiliary current steering DACs
(CA1-CA4) to compensate the chopper IA’s non-idealities. The motivation and
detailed operation of these DACs are discussed in section 3.3.2.
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3.3.2  Digitally-Assisted Ripple and Offset Reduction

Two challenges associated with a chopper IA are how to reduce its output rip-
ple and residual offset (Figure 3.3). The output ripple is generated by the IA’s
up-modulated offset voltage (Vo) and resembles a low-pass filtered square
wave. Compared to the uV level EEG signals, the ripple can have a much larg-
er magnitude and will, therefore, limit the IA’s output headroom. The ripple
magnitude is proportional to the IA gain, as shown in (3-1). For instance, a 5
mV input offset can cause a large output ripple of 500mVpp (when C1/C2=100).

(G +C,
e

The residual offset Vottour of the IA is caused by its input offset current
Ios (Figure 3.3) [61], which in turn is mainly due to the charge injection of the
input chopper. The residual output offset is derived as (3-2), where Ios is the
offset current that flows through the pseudo-resistor R2 and Rp, and Ci is IA’s
input capacitance, Rp is IA’s parasitic switched-capacitor resistor formed by
input chopper and Ci.

’Vripplepp‘ = ’Vo

V VOS RZ

off ,out =

IosRZ =

= f.CGRV,, (3-2)

p

The residual offset can be compensated by a DC servo loop [62], where
an off-chip capacitor (>10uF) and an OTA realize a low-pass cutoff frequency
of around 0.5Hz. In the proposed AE, however, the ripple and the offset are
suppressed by two foreground calibration loops: a ripple reduction loop (RRL)
and a DC servo loop (DSL). It should be noted that the EEG input signal should
not be present during the calibration.
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Figure 3.3 Chopper-associated output ripple and residual offset.

The calibration starts with the RRL (Figure 3.4): the ripple Va and Vb
are synchronously sampled, and the polarity (CMP1) is determined by a com-
parator. A fully-integrated successive approximation algorithm (SAR) gener-
ates a pair of 7-bit binary outputs (CT: and CT2) to control a pair of 7-bit cur-
rent steering DACs (CA1 and CA: in Figure 3.2), respectively. The outputs of
the SAR have inverse polarity, so that either a segment from the left DAC (CA1)
or from the right DAC (CA:) is switched on after each comparison. Therefore,
the DACs generate compensation currents (Ic1 and Ic2) to minimize the output
ripple in seven clock cycles. The timing of the RRL’s operation is illustrated in
Figure 3.5.
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Figure 3.4 Block diagrams of the RRL and the DSL.

The DSL starts after the RRL and operates in a similar manner (Figure
3.4): the output offset voltage (Vou) is sampled and compared to a reference
voltage Vrer. The comparator output (CMP:) is sent to the SAR, whose outputs
control another pair of DACs (CAs and CAus in Figure 3.4). Their outputs are
chopper modulated in order to generate a modulated compensation current.
The timing of the DSL’s operation is also illustrated in Figure 3.5.

Once both the RRL and the DSL calibration are finished, the inputs to
the DACs are frozen, both calibration loops are shut-down, and normal opera-
tion starts. In addition, the calibration loops can be reset when necessary, in
case there is any offset drift. The total power dissipation (<400nW) of the RRL
and the DSL is determined by the DAC’s static current.
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37

3.3.3  Input Impedance Boosting

Without an input-impedance boosting loop, the input impedance of the invert-
ing IA is dominated by C1 (Figure 3.6). This is shown in (3-3), where Cp is the
input parasitic capacitance of the IA, and Rs is the electrode-tissue impedance.

e A N
Impedance Boosting Loop
R3
Fine tuning C3 (10:}'))
]l
Ctb l; ~ (07 I(IZI.OIC))
/H/ A2 P
. +—Vref (0.9V)
L Coarse tuning )
R2

Itb

lel

Vin O—vw
Rs
Cp=

DSL

Figure 3.6 Input-impedance boosting via positive feedback.

1 1

Z —— = _{R~— ]
"Ts(C,+C,) ° sC (3-3)

In case Ci is large (300pF) for low-noise operation (see section 3.3.4),
the input impedance is around 10MQ at 50Hz. This may lead to a poor CMRR
when an electrode impedance mismatch exists. In order to increase the input
impedance, a positive feedback loop (Figure 3.6) is implemented by feeding
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back an input bias current [57]. This loop consists of an inverting amplifier and
a capacitor Cm, which includes Ct_carse and Cr_fine. Cio converts the inverted
output into an input bias current (Is), which is a portion of the total input cur-
rent Iin. Therefore, the current (le) drawn from the recording electrode is re-
duced.

V, 1

I 2 _
| qcf+c9-scm{ s’C,C,R,R, q (3-4)

(SC,R, +1)SC,R, +1)

The input impedance Zin of the AE, after utilizing the impedance boost-
ing loop, can be expressed as in (3-4). Compared to (3-3), the equivalent input
impedance has been increased by a factor of 3, as shown in (3-5).

,Bzz—i'”: C +C, . C,+C,
Zin C +C _C C1C3 _1 Cl +Cp - A\/,IMPCfb (3-5)
1 p b C2C4

where f3 is the impedance boosting factor, Zin is the AE’s input impedance of
without impedance boosting, Z'in is the AE’s input impedance with impedance
boosting and Av.awmr is the effective voltage gain of the impedance boosting
loop (excluding Cs). Ideally, the input impedance of the AE can be infinite (3 is
infinite large, and I« = 0). However, the boosting factor is limited by stability
constrains. Making Cs too large will result in 8 < 0, which translates into nega-
tive input impedance and an unstable feedback loop, because a portion of the
feedback current (In) then flows out into the electrode (i.e., Iei < 0). Therefore,
the maximum value of Cs» must be limited as in (3-6) to maintain (3 > 0:

C, +C
Coomx = (3-6)

fomax — " A
A/,IMP
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An additional remark of (3-5) and (3-6), is the variation of Ci1 and the
input parasitic capacitances Cp. Both can reduce the effective boosting factor 3,
and may even lead to instability (f < 0). Therefore, Cw» is implemented as a
combination of a coarse and a fine capacitor array in order to be able to trim
the amount of positive feedback to compensate the effects of these process var-
iation and ill-defined parasitic capacitance. At variable gain settings, the coarse
array Co_coarse is switched in tandem with the value of Ce. The fine array Crb_fine
can then be adjusted to further compensate for the current that flows into Ci
and Cp, thus ensuring that 3 is high enough to guarantee stability. The selected
Cr_ine array (25pF) can compensate for a 20% variation in C1 (at the lowest gain
of 3), and tolerate a large Cp of up to 15pF.

3.34 Noise Analysis

The equivalent circuit for input noise derivation is shown in Figure 3.7, the total
input referred noise PSD of a Front-End AE (FEAE) can be derived as

2
' C, 24.C,

C, sC
2
1
+Vi§,FEAE (—] + (\/ir?,OTAZ +Vi§,ref ) (ZSRsCfb (3-7)
sCR,
2
+ G/ir?,RRL +Vi§,DSL)'[ggDAC J
ml

where Vinreat is the total input referred noise of an AE; Vinorat and Vinoraz are
the input referred noise of the amplifier A: and A, respectively; Vinanm is the
(common-mode) noise of the back-end CMFB amplifier; Vnr2 is the noise con-
tribution of the pseudo-resistor R2; Vinrt is the noise of the reference voltage,
which biases the inverting amplifier in the impedance boosting loop; VingrL and
Vinpst are the noise from the RRL and the DSL, respectively; gmpac is the trans-
conductance of the current steering DACs; and gm1 is the input transconduct-
ance of the core amplifier Ai.
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Figure 3.7 Input equivalent circuit for calculating the input referred noise of the front-
end active electrode.

The noise of the impedance boosting loop (Vinota2 and Vinrer) is negligi-
ble as long as 1/sCw» >> Rs. The noise generated from the pseudo-resistor Rzis
also very small as sCiRz >> 1. The noise of the RRL and the DSL is not domi-
nant either because gmi >> gmpac. The noise from the CMFB loop is common-
mode noise for multiple AEs. Hence, the total input referred noise of a single
AE can be approximated as

(3-8)

c, 24CY
+—
C, sC

Vij,FEAE =Vi§,OTA1 ) (1"' ~
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This noise approximation is equal to the thermal noise of the core
chopper IA, multiplied by a shaping factor (Figure 3.8). This factor has its ori-
gins in the fact that the combination of the input chopper and the input capaci-
tor Ci behaves like a parasitic switched-capacitor resistor, and so Vinreae exhib-
its a 1/f frequency characteristic. However, this approximation does not in-
clude the current noise contribution from the input chopper. The current noise
can be converted into significant 1/ voltage noise as well when chopping is
performed at a very high impedance node, i.e., at the virtual ground of this
inverting IA. A detailed discussion of this current noise can be found in Chap-
ter 5.

104 - e e — e
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S q
3]
& No chopping, Ci=500fF
2 fc=1kHz, Ci=100fF
'a 102 +
© /c=1kHZ, Ci=500fF
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)
B2
[e]
zZ
0 T 3
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10”" 100 10’ 102 10°

Frequency [HZz]

Figure 3.8 Noise shaping factors on various conditions of chopping frequency (fc) and
differential input parasitic capacitance (Ci).

Several design considerations should be taken into account to reduce
the noise-shaping factor in (3-8). A large coupling capacitor Ci1 should be used
as long as the input impedance still meets the design requirements. The chop-
ping frequency f. should be selected very close to the 1/f corner of the core IA.
In this design, a minimal fc of 500Hz is selected without significantly compro-
mising the noise floor of the chopper IA. Moreover, the input parasitic capaci-
tor Ci can be reduced by careful layout.

3.4 Back-End CMFB IC

Mismatch between AEs usually dominates their CMRR. This can be improved
by a back-end common-mode feedback (CMFB) circuit. Figure 3.9 shows the
equivalent circuit of a simplified two-AE system and its CMFB circuit. Without
the CMEFB circuit, the reference inputs of AEs are connected to ground. There-
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fore, the CM gain is determined by the AEs’” gain mismatch (AAv), leading to a
low CMRR as shown in (3-9).

CMRR =20 Iog(i] (3-9)
AA,

(a) Without Back-End CMFB
NV Av Voutl

Vem ~>—|>

Y+ Vout
T~ WWW
Av+AAv
Vem —» D
A Vout2 Jmmm
(b) With Back-End CMFB
MWV A
- v Voutl ~nnnnn
Vem —>€9—|>
+A gossssssssoseee ===
¢ Av,cmfb H
. ’ Y+ ¥+
w2 A N AN Vo
N A = AN
Av+AAV bt
+y Lececcccccnccnad ceedt
vem —=D—{>
AN Vout2 ~anan

Figure 3.9 Equivalent circuits of the proposed AE system, (a) without CMFB (b) with
CMEB.

With the CMFB, however, the reference inputs of the AEs are connect-
ed to the output of the CMFB, which is approximately equal to the input CM of
all AEs. Thanks to the CMFB, which reduces the CM gain, the residual CM
outputs Voun and Voue, as well as the differential output (Vou). The new CMRR’,
by using the CMFB, is derived in (3-10), where the CMRR is improved by a
factor of 20log (Av). In (3-10), Av is the close-loop voltage gain of the AE, and
Av,cvrs is the CM gain of the capacitive summing amplifier.
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CMRR'=CMRR - 20log L +1
9 1 (3-10)

~CMRR - 20log(A, )

The back-end CMFB circuit (Figure 3.10) consists of a capacitive sum-
ming amplifier with a gain of Av,cmrs = 8%(C5/Cs), and eight unit-gain low-pass
filters to reject high-frequency interference. The coupling capacitors (Cs) block
the residual output offsets of the AEs, thus avoiding summing amplifier’s satu-
ration. Via a pseudo resistor Re, the summing amplifier provides a bias voltage
to (Vrt) to all AEs. In an 8-electrode EEG readout circuit, any two AEs can be
used to form a bipolar EEG acquisition channel. The summing amplifier only
feeds the average CM voltage of all 8 AEs back to their reference inputs while
rejecting any differential-mode (DM) signals. Therefore, the back-end CMFB
circuit does not disturb the differential EEG amplification.

The practical CMRR improvement is limited by the stability constrains
of the CMFB loop. In order to balance the tradeoff between CMRR and the loop
stability, the gain of AE and the summing amplifier is set to 100 and 16, respec-
tively.

Vinl
Vin2
Vin3
Vind
Vin5
Viné
Vin7
Vin8
(ref)

—&3 Vcmfb

Vref(0.9V)

Back-End
CMFB

Figure 3.10 Block diagram of the back-end CMFB circuit.
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In practice, electrode impedance mismatch is another mechanism fur-
ther reducing the CMRR of a pair of AEs, especially when dry electrodes are
used. In the case of CMFB not being used (Figure 3.11), the CMRR of an AE
pair is derived in (3-11), where ARuq is the electrode impedance mismatch and
AAv represents AEs” components mismatch.

CMRR = 20log % (3-11)
AA, + =0
R, +R
No CMRR R
Compensatio’n/,/(()—«:»T?\_Q
i )  AV=A-AAY vout

: —“‘i()—‘:'—ﬂ—, XA
R

- XAy
" Ri
s M

Sense
_‘(B—DW)(AV cf
g [ 7]
Rd
~ XAy,
Ri
CM

\
\ Rd,cvmrB :

Figure 3.11 Block diagrams of the DRL and the proposed CMFB.
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Compared to the well-known Driven-Right-Leg (DRL) circuit [63],
which feeds back the CM signal to the subject (Figure 3.11) through recording
electrodes, the proposed CMFB circuit feeds the CM signal back to the AEs’
inputs. Therefore, the CMFB circuit only compensates for the AEs’ components
mismatch. Even if the mismatch is perfectly minimized, the maximum CMRR
that the CMFB circuit can help to achieve will ultimately be limited by the elec-
trode impedance mismatch, as shown in (3-12), whereas the maximum CMRR
with a DRL circuit is theoretically infinite.

R, +R
CMRR s vax = 20Iog(%} (3-12)

d

However, due to the variability of the electrode impedances Rapst
(10kQ-10MQ)) and the stray capacitance, the DRL circuit must be carefully de-
signed to ensure that it is always stable [64], which requires a large feedback
capacitor Ct (a few tens of nF) for stability compensation [65]. Dry electrodes
may further exacerbate the instability since the electrode impedance is even
more variable. In contrast, this is not an issue for the proposed CMFB circuit, as
the electrode impedance is out of the feedback loop, and a third electrode (E¢)
always biases the subject to the circuit ground.

3.5 Measurement
3.5.1 IC Measurement

The IC has been implemented in a 0.18pum standard CMOS process and occu-
pies about 6.5mm? (Figure 3.12). Each fabricated die contains one AE and one
back-end CMFB amplifier. An 8-electrode EEG readout circuit can be built up
with eight chips as AEs, and a separate chip operating as back-end CMFB. The
8-electrode readout circuit consumes 160puW from 1.8V.

Figure 3.13 shows the measured AE gain as it changes from 3 to 100.
Figure 3.14 shows the AE’s input-referred noise with and without chopping.
Chopping at 500Hz leads to an integrated noise of 0.8uVms (0.5-100Hz), which
is reduced by almost half compared to 1.5uVms without chopping. Figure 3.15
shows that the input impedance is improved from 400MQ @1Hz to 2GQ @1Hz
by utilizing the impedance boosting loop. Figure 3.16 shows the CMRR of a
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pair of AEs (with a gain of 100). An 82dB CMRR has been measured at 50Hz by
enabling the back-end CMFB, which improves the initial CMRR by more than
30dB. Figure 3.17 shows the output waveforms before and after applying rip-
ple and offset trimming. The residual output ripple is less than 2mV compared
to the initial 40mV, and the output offset is reduced from 280mV to 20mV.
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Figure 3.12 Chip photograph.
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Figure 3.13 Measured gain of an AE as a function of frequency for various gain factors G.
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Figure 3.16 Measured CMRR between an AE pair.
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Figure 3.17 Measured output ripple and residual offset of an AE.

Table 3-1 summarizes the analog performance of the AE system, and
compares it with other state-of-the-art AEs. The proposed AE system achieves
the highest input impedance, comparable input referred noise, electrode offset
rejection, and CMRR. The problem of achieving high CMRR between single-
ended AEs is essentially solved by using a back-end CMFB circuit. All these
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features make the proposed AE system suitable for dry-electrode EEG meas-

urement.

Table 3-1: Comparison table of the proposed AE system with state-of-the-art biopoten-

tial IAs.

Parameters [66] [62] [67] [56] This work
Supply 1.8V 3V v v 1.8V
Voltage
AE Gain 100 10 190-1000 100 3-100

Input Im-

pedance >7.5MQ) >100MQ - >700MQ 2GQ
(DO

NOiSE per 095 }J.Vrms 0.6H.Vrms 25}.1Vrms 1 .3HVrms O.S}J.Vrms

Channel (0.05-100Hz) | (0.5-100Hz) | (0.05-460Hz) | (0.5-100Hz) | (0.5-100Hz)

Electrode

Offset Tol- 50mV 50mV Rail-to-rail Rail-to-rail Rail-to-rail
erance
CMRR 100dB 120dB 71dB 60dB 82dB

NEF 4.6 9.2 3.3 9.5 12.3

Power per 20uW
Channel 2uW 33.3uW 337nW 3.5uW (AEs only)

3.5.2  Cable Motion and Interference

This section demonstrates the benefits of an AE system by comparing its per-
formance with a conventional EEG readout circuit, implemented with two pas-
sive electrodes and a differential IA. The comparison includes their robustness
to cable motion artifacts and interference. In Figure 3.18, two resistors of 1MQ
are placed at the IA’s and the AEs’ inputs to mimic the dry-electrode imped-
ance. A low-noise (3uVpp in 0.1-10Hz), high input-impedance (2G() and high
CMRR (>90dB) IA [68] is selected as a conventional EEG IA. The cables con-
nected between this IA and EEG electrodes are attached to a vibration device
that vibrates at 10Hz. A similar measurement setup is used for the AE system
proposed in this chapter, while the IA is connected to the AEs’ outputs through
cables.
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Figure 3.18 Cable motion artifacts reduction test by introducing cable vibration.
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Figure 3.19 Comparison of measured cable motion artifacts.
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Figure 3.19 shows the measured input referred signal PSD, and the AE
readout shows a significant reduction of cable motion pickup at 10Hz due to its
relatively low output impedance.

Figure 3.20 illustrates the block diagrams of two systems for interfer-
ence reduction test. The cables of both systems are placed on top of a power
plug which can be considered as an “interference generator”. In addition, a
pair of variable resistors is placed at both systems’ inputs to mimic the elec-
trode impedance. Figure 3.21 shows the measured input-referred 50Hz signal
versus the electrode impedance Rs. Thanks to the AEs’” low output impedance,
the input-referred 50Hz signal has a low and almost constant magnitude. In the
conventional EEG readout circuit, the input-referred 50Hz signal linearly in-
creases with the electrode impedance (till 1MQ). Particularly, the benefits of
AEs are more valued for dry electrodes, where Rs is more than 10kQ [69].
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Figure 3.20 Interference reduction test by introducing a 50Hz interference source.
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3.5.3 Biopotential EEG Measurement

Figure 3.22 shows the scalp EEG measurement setup. For simplicity, EEG sig-
nals are measured between two pairs of electrodes, which are both placed in
positions of O1 and C.. A first pair is connected to two AEs (G=100) via short
wires. The outputs of these AEs are connected to a commercial EEG system
(channel 1) [70]. For comparison, another pair of electrodes is placed very close
to the first pair. The outputs of these electrodes are directly connected to the
same EEG system (channel 2). In this way, the EEG measurement results can be
compared simultaneously between the two types of systems.

i Channel 2
to g-tec m; éﬁi‘»v«
to FEAE X _
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111
VOO0
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N (5
to g-tec %f ‘)GND
to FEAE

Figure 3.22 Scalp EEG measurement setup.
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In the first measurement, both systems use wet electrodes. Figure 3.23
shows the spectrogram of the measured EEG signal. Alpha waves around 10
Hz are clearly visible when eyes are closed. In Figure 3.24, the spectrum corre-
lation coefficient (0) between the (wet-electrode) AE readout and the (wet-
electrode) conventional EEG readout is higher than 0.99.

With Active electrode (Wet electrode)

Eyes open ----- Eyes closed -=---

‘"“‘"”MWI TR

Frequency (Hz)

20 40 . 60 80 100
Time (s)
Without Active electrode (Wet electrode)
i

---------- >i<““- Eyes closed ====-

ﬂ" “"”n"m."" | ,,y

Frequency (Hz)

20 40 60 80 100
Time (s)

Figure 3.23 EEG spectrogram with AE (upper trace, wet electrodes) and without AE
(bottom trace, wet electrodes).
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Figure 3.24 EEG normalized spectrum with and without AE (both with wet electrodes).
Eyes open (blue curve) and eyes closed (red curve).
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Figure 3.25 EEG spectrogram with AE (upper trace, dry-electrode headset) and without
AE (bottom trace, wet electrode).
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Figure 3.26 EEG normalized spectrum with AE (dry-electrode headset) and without AE
(wet electrode). Eyes open (blue curve) and eyes closed (red curve).

In the second measurement, wet-electrode AEs are replaced with dry-
electrode AEs [71], while the commercial EEG readout channel still uses wet
electrodes. Figure 3.25 shows the EEG spectrogram. For both systems, alpha
waves around 10Hz are still clearly visible when eyes are closed. In addition,
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Figure 3.26 shows that the spectrum correlation coefficient (g), between the
dry-electrode AE readout and the wet-electrode commercial EEG readout, is
higher than 0.93. This number is high in comparison to other works on dry-
electrode sensing, such as [72]: 0 > 0.9, [73]: 0 =0.8 — 0.96, and [74]: 0 = 0.83.

3.6 Conclusions

A wearable EEG system requires both user-friendly dry electrodes and low-
power high-performance readout circuits. However, state-of-the-art IAs, im-
plemented with differential amplifiers, are not well suited for such applications.

This chapter presented a low-power AE based readout circuit suitable
for dry-electrode EEG measurement. The readout circuit includes eight IAs as
AEs and one back-end CMFB amplifier for CMRR improvement. The AE uti-
lizes AC-coupled chopper IA architecture, equipped with input-impedance
boosting and offset trimming, for optimized performance between noise, offset
tolerance, input impedance, and large output swing.

The AE-based readout circuit shows significant benefits in terms of the
robustness to cable motion and interference than a traditional EEG readout
circuit. The proposed AE system can detect alpha waves when either wet or
dry electrodes are used on the scalp. Moreover, this AE system also shows a
highly correlated result compared to an existing commercial EEG system.
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CHAPTER 4

AN 8-CHANNEL ACTIVE ELECTRODE SYSTEM3

4.1 Introduction

The previous chapter (Chapter 3) presented an active electrode (AE) based
readout circuit for dry-electrode EEG acquisition. However, this system only
has analog outputs, while a back-end CMFB circuit was used for CMRR en-
hancement without facilitating analog-to-digital conversion. This makes the
system difficult to interface with digital processors for advanced digital signal
processing and feature extraction. In addition, foreground offset and ripple
calibrations were used to improve the AE’s precision, but at the cost of inter-
rupting EEG measurement.

To fulfill the needs of digitization and continuous EEG recording, this
chapter presents a complete 8-channel AE system, including an ADC, a stand-
ard digital interface and a background calibration scheme. Furthermore, the
system can also measure electrode-tissue impedance (ETI), i.e., the complex
impedance between an electrode and skin. Therefore, an in-phase and quadra-
ture signal processing scheme is necessary to measure the ETI's resistive and
capacitive components, respectively. ET] measurement extends an AE system’s
functionality by enabling the remote assessment of electrode status and record-
ing ETI-related motion artifacts. The whole AE system consists of nine AEs and
one back-end (BE) analog signal processor (ASP). The AEs, based on a non-
inverting chopper IA architecture, amplify the low-level EEG signals with a
good tradeoff between input impedance and noise. The BE ASP post-processes
and digitizes the AEs” analog outputs, such that the system can be connected to
a microcontroller through a serial-to-parallel interface (SPI). At the system level,

3 This chapter is derived from a journal publication of the authors: J. Xu, S. Mitra, et
al., “A 700pW 8-Channel Active Electrode EEG/Contact-impedance Acquisition System,”
IEEE ]. Solid-State Circuit, vol.49, no.9 pp 2005-2016, Sept. 2014.
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an innovative common-mode feed-forward (CMFF) technique improves the
CMRR of differential measurements, made with a pair of AEs, by 25dB.

4.2 IC Architecture Overview

Figure 4.1 shows the block diagram of the proposed 8-channel EEG/ETI acqui-
sition system. An EEG measurement is obtained as the differential output of
two AEs, and so the system consists of 9 AEs. A bias electrode provides a DC
bias (at 2 Vaa) for all the AEs. Each AE connects to the BE via six wires: 32 kHz
clock (CLK), power supply (VDD and VSS), digital control bits (PWM), analog
output of EEG/ETI (ANA) and common-mode feed-forward (CMFF). The AE
utilizes a non-inverting chopper IA for pre-amplification and a built-in square-
wave current source for ETI measurement [75].

Active Electrode (AE) Back-End (BE)

4 N

<
VDD, VSS, CLK, PWM | 6 Wires VDD. VSS

4 \, 4 CLK, PWM
(EEG+ETI);, L_J¢ ANA,
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| CMFF, ‘ CMFF !

a
m
w
T]
>
4
2
BE ASIC
(Analog signal processing
and digitization)

(Bias)

Figure 4.1 Block diagram of an 8-channel AE based EEG/ETI system.

The BE is responsible for analog signal processing and digitization. In
Figure 4.2, the BE signal chain starts with two chopper IAs, each consisting of a
transconductance (TC) stage and a transimpedance (TI) stage. The two TI stag-
es in an ETI channel are used to demodulate and separate the EEG signal from
the ETI signals, and each ETI channel consists of an in-phase (I) channel and a
quadrature (Q) channel. Programmable gain amplifiers (PGA) provide variable
gain, and low-pass filters (LPF) enable anti-aliasing. Both EEG and ETI chan-
nels are simultaneously sampled at 500Hz by respective sample-and-hold (S/H)
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stages. The result is a total of 24 channels, including 8-channel EEG, 8-channel
ETI-I and 8-channel ETI-Q, whose outputs are multiplexed and digitized by
two 12-bit SAR ADCs operating at 1kSps.
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Figure 4.2 Architecture of the 8-channel EEG/ETI acquisition system (TC and TI repre-
sent transconductance and transimpedance IAs, respectively).

421 EEG and ETI measurement

The proposed 8-channel system can simultaneously measure EEG and ETI sig-
nals (Figure 4.3). A DC current (Ipc) is up-modulated to the ETI measurement
frequency (fi=1kHz) and injected into the subject through each recording elec-
trode. This current is then converted into a square wave voltage (ETIin) over the
electrode impedance. As a result, the EEG and ETI signals are both present at
the input of an AE, but are located at different frequencies. At the output of an
EEG channel, the amplified EEG signal is still at baseband, and the residual ETI
signal at fi can easily be removed by a LPF. The ETI-I/Q channels up-modulates
the EEG signal to fi and filters it out, while they demodulate in-phase fi (0°) and
quadrature f1 (90°) components of the ETI signal back to DC, respectively. Typi-
cally, the ETI-I is much larger than the ETI-Q at the ETI measurement frequen-
cy (at a few kHz). For instance, 51k()//47nF, the standard (wet) electrode im-
pedance, has 51kQ) and 3.3kQ) at 1kHz, respectively.
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Figure 4.3 Block diagram and spectrum to illustrate the principle of EEG/ETI measure-
ment.

422 A CMFF technique for CMRR enhancement

Gain mismatch between AEs typically limits their intrinsic CMRR to less than
60dB. A driven-right-leg (DRL) circuit can improve CMRR at the cost of poten-
tial instability [76]. The back-end CMFB proposed in the previous chapter can
solve this issue by feeding the CM signal back to the AEs’ reference inputs, in-
stead of the subject. However, the CMFB requires a summing amplifier for CM
extraction and uses large capacitors for stability, leading to increased chip area
and power. Alternatively, a digitally-assisted DRL technique [77] improves its
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stability, where digital notch filtering ensures that high loop gain is only avail-
able at the major interference frequency (at 50/60Hz). However, this improve-

ment is at the expense of complex digital signal processing and more power.
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Figure 4.4 (a) Conventional AEs without CMFF, and equivalent circuit diagram of two
AEs, and (b) AEs with CMFF for CMRR enhancement, and equivalent circuit of two

AEs.

This section introduces a CMFF technique for CMRR improvement of
multiple AEs [78]. Conventionally, the non-inverting AEs are referred to the
system ground (Figure 4.4 a). As a consequence, the CMRR of a pair of AEs is
limited by their voltage gain error, as shown in (4-1), where Gat is the voltage
gain of an AE, and AGat is the gain difference of two AEs. Although the match-
ing of AEs can be improved by implementing both C1 and Cz with a common-



64

centroid layout with dummies, the maximum CMRR will still be typically less
than 60dB. This issue can be solved by a CMFF technique, where the AEs’ ref-
erence node (now dubbed the CMFF node), which was previously connected to
the circuit ground, is capacitively connected together to a well-defined DC ref-
erence voltage (Vbiass) through a very large bias resistor Rv (Figure 4.4 b). As a
result, the CMFF node becomes an averaging node for all the input signals, and
as a result, its voltage is equal to the CM input. Furthermore, no CM current
will flow through capacitors Ci1 and Cai. This effectively reduces the CM gain
and thus increases the CMRR of an AE pair, as shown in (4-2), where CMRR is
the initial CMRR of two AEs without using CMFF, Ci is the input capacitor (Cn
or C21) and Rb is the bias resistor.

CMRR = 20log e (4-1)
AG
CMRR' =CMRR +20log(1+sC,R,) (4-2)

However, increasing Rb» will make the DC voltage at the CMFF node
sensitive to leakage due to the voltage divider formed by Rv and the parasitic
resistance Ry (Figure 4.4 b). Furthermore, it will significantly reduce the ampli-
tude of the DC voltage at CMFF node, thus limiting the maximum CM swing
that the CMFF can handle. As a reasonable requirement, the actual DC voltage
at the CMFF node should be larger than the AE’s maximum input CM voltage
(Vinpk), as given by

R

Voc omee = Vhias R +pr > M"'pk‘ (4-3)
P
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Equation (4-3) sets an upper limitation of Re. On the other hand, decreasing Ro
will limit the maximum CMRR that the CMFF can achieve, as shown in (4-2). A
small Rv increases the high-pass frequency at the CMFF node and thus pre-
vents any CM voltage extraction. For instance, when Rv=0, the CMFF will be
biased to ground and the CMFF will stop working. In this design, Vbias=1.8V
and Re=100MQ are selected to accommodate a CM input range of 50mV while
maintain a good CMRR (>80dB).

One remaining limitation of the CMFF is its robustness to the “leads off”
condition. Disconnecting any electrode will cause the failure of the CMFF loop,
because a floating input of any AE pollutes the CM averaging [78]. This prob-
lem can be solved by connecting the positive input of each AE to a well-defined
bias voltage (at Va¢/2) via a large resistor. As a result, the AE in the lead-off
condition will be biased, while CMFF is then performed among the other AEs.

423 PWM communication

In an AE based system, each AE receives the configuration register bits from
the BE to define its operation modes, such as the AE’s gain and bandwidth,
and the amplitude and frequency of the ETI current source. Data communica-
tion between the BE and the AEs could be done via a 3-wire SPI interface.
However, this would lead to an increased number of wires in a multi-channel
system, increasing the system’s complexity and weight. In this design, the BE-
to-AE interface utilizes a single-wire self-clocked PWM data transmission [79],
which combines the clock and data signals to reduce the number of connecting
wires.

4.3 Active Electrode ASIC
4.3.1 Instrumentation Amplifier (IA)

As the analog front-end of the EEG system, an AE should provide high input-
impedance and low noise, as well as the capability to reject large electrode off-
sets. To meet these requirements, the AE (Figure 4.5) consists of a non-
inverting chopper IA equipped with a DC servo loop (DSL) and a ripple reduc-
tion loop (RRL), respectively. These requirements are discussed in the follow-
ing sections in detail.
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Input Impedance: A non-inverting IA has much higher input imped-
ance than that of an inverting IA [80] because the input impedance of the for-
mer architecture is determined by input parasitic capacitance, instead of the
large coupling capacitor (C1). In this design (Figure 4.5), the core amplifier itself
has an input impedance of 2GQ at 20Hz, while the output resistance (Routinc) of
the ETI current source is 3.2GQ) at 20Hz. This gives the AE an equivalent input
impedance of more than 1.2GQ at 20Hz.

1 1
Z. = +—— IR, (4-4)
[2chp SCJ b

Electrode Offset Rejection: To reject a large electrode offset (EO),
which may otherwise saturate the AE, the built-in IA implements a continuous-
time DC-servo loop (DSL). The DSL stabilizes the output DC voltage to a refer-
ence voltage (Vrf) via an active RC integrator, which feeds the IA’s output off-
set back to its inverting input via a large pseudo resistor (Rs). The maximum
electrode offset rejection of each AE, i.e., £250mV with respect to subject bias, is
ultimately determined by the input biasing range of the core amplifier.

Ripple Reduction: The intrinsic offset of the core amplifier will be up-
modulated by the output chopper modulator. This generates a square wave,
namely ripple, thus reducing the IA’s output headroom. A ripple reduction
loop (RRL) (Figure 4.5) [81] first converts the output ripple into a DC current
via a capacitor (Cs) and a chopped current buffer (CB). This DC current is then
integrated on a capacitor (Cint), and the resulting voltage is converted into a DC
feedback current via a transconductance stage (GM2). The DC feedback current
compensates the IA’s intrinsic offset and reduces the output ripple approxi-
mately by a factor of 10.

4.3.2 Noise Analysis

In this work, the target input-referred noise of an EEG channel (including two
AEs and one BE) is 75nV/sqrt(Hz). Neglecting the noise contribution from the
BE, the input-referred noise of a single AE should be about 53nV/sqrt(Hz),
which comes from three major contributors (Figure 4.6): the core amplifier, the
ripple reduction loop (RRL), and the DC-servo loop (DSL).
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in,AE

The noise contribution of the core IA can be expressed by

In

2 2
2 _\y2 C2 fc CP 2 1
Vinin =Vinort {1"'?1"' f__"'l ?1 + linop1 24 C, (4-6)

where Vnior1 and Inior1 are the input-referred voltage noise and current noise of
the core amplifier, respectively, C1 and Cz are the feedback capacitors which
define the AE'’s gain, f. is the operating frequency of the chopper modulators,
fin is the frequency of the input signal, and Cp is the input parasitic capacitance.

The first component in (4-6) refers to the 1/ voltage noise of the non-
inverting chopper IA because of its parasitic switched-capacitor resistance.
Although chopper modulation mitigates 1/f noise of the core amplifier (OP1),
this parasitic resistance reduces the input impedance of the amplifier and thus
increases its current noise. The current noise is converted into 1/f voltage noise
in the presence of external capacitive feedback. The second component in (4-6)
refers to another 1/£ voltage noise source associated with the current noise
Inior1, which is due to the charge injection and clock feed-through of the input
chopper [82]. The current noise PSD linearly increases with the chopping fre-
quency [83] and induces significant 1/f voltage noise, especially when chop-
ping is performed at a high-impedance node. This problem will be discussed in
more detail in Chapter 5.

The proposed IA utilizes several methods to minimize the total noise in
(4-6). Firstly, to reduce the thermal noise of Vniori, the core amplifier employs a
two-stage amplifier (Figure 4.7), whose input pair consists of NMOS and
PMOS differential pairs connected in parallel [84]. This method doubles the
input transconductance of the core amplifier without consuming extra bias cur-
rent, while still achieving a good input CM range from 0.7V to 1.2V. Secondly,
in order to reduce Iniop1, the input chopper modulator utilizes a low chopping
frequency (f=2kHz) and minimum size transistors [82]. Thirdly, the use of a
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non-inverting topology means its input impedance is not dominated by the
feedback capacitors. As a result, very large capacitors C1 (5nF) and C2 (50pF to
500pF) are used to reduce the impedance of the chopping node, as shown in
(4-6). This topology reduces the 1/f voltage noise without compromising IA’s
input impedance. This is a clear advantage of a non-inverting chopper AE, as
the inverting IA (Chapter 3) suffers from the tradeoff between noise and input
impedance [80][85].
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Figure 4.7 Schematic of the core amplifier of an AE.

The RRL’s noise contribution is negligible since it is located between
the two choppers of the core amplifier (OP1). The 1/f noise from Gm2 and cur-
rent buffer (CB) are effectively chopped out, while their thermal noise is sup-
pressed by the input stage of OP1. The DSL does not induce significant noise in
the EEG bandwidth either, as its low-pass cutoff frequency is well below 0.5Hz.

4.3.3 Current Source for ETI Measurement

The current source employs a self-biased triple-cascode architecture to boost its
output impedance (>3.2GQ@20Hz) (Figure 4.8). The magnitude of the reference
current (lac) is configurable from 10nA to 2uA to cover a wide range of elec-
trode impedances. This reference current is mirrored either to a NMOS or
PMOS triple-cascode stage, enabling current injection or current sink. An out-
put chopper then generates a square-wave current at the ETI measurement fre-
quency (fi=1kHz).
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Figure 4.8 Triple-cascode, self-biased, square-wave current source.

4.4 Back-End Analog Signal Processing ASIC
4.4.1 Instrumentation Amplifiers (IA)

In the BE, one EEG channel and two ETI channels use the same IA architecture,
but with different chopping schemes to separate EEG and ETI from each other.
The IA of the EEG channel (Figure 4.2) utilizes both input and output choppers
to reduce its 1/f noise, while two ETI channels share the same TC stage of the
EEG channel for low power and use only output choppers in their TI stages to
demodulate the ETI signal.
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Figure 4.9 Schematic of TC and TI stages of IA in the BE.

i

The IA is based on a current-feedback instrumentation amplifier (CFIA)
(Figure 4.9) [86]. The TC stage utilizes input voltage followers for high input
impedance. The differential input voltage applies across the input resistor Ri
and creates a signal dependent current. This current is mirrored (via Ps and Pe)
to the TI stage and converted back to a voltage through a resistor Ro. The volt-
age gain of the IA is given by

Gy = %[\\:sz ; b ] (4-7)

The level shifters (Ps and P4) help to keep the voltages Von and Vop at
reasonable values for a wide range of input common-mode voltages. In this
architecture, the maximum input swing of the IA is determined by Ril.

4.4.2 Low-Pass Filter and ADC

The anti-aliasing LPFs separate the EEG signal and the ETI signal (at 1kHz),
and reject chopping spikes. The LPF is a 4t-order unity-gain Bessel filter real-
ized with a Sallen-Key architecture (Figure 4.10) [87], which provides tunable
bandwidth (100Hz to 300Hz), as well as sufficient attenuation (>60dB at 1kHz)
of residual ETI signal. In addition, the use of a Bessel filter ensures that the
EEG and ETI channels all have a constant group delay of about 1ms. The sam-
ple-and-hold circuits thus sample all channels at more or less the same time.
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Both constant group delay and synchronized sampling improve the accuracy
of temporal correlation across channels. This is important for brain-computer-
interface (BCI) applications, where the ETI output can be used for impedance-
related motion artifact reduction [88].

Vout

Ri1, Rz 8.8 MQ
Ra1, Ra2 4.8 MQ
Cu 58.5 pF
Cx 53.7 pF
Ca 139.3 pF
Cx» 53.7 pF

Figure 4.10 Schematic of the 4%-order Sallen-Key low-pass filter (LPF).

Two time-multiplexed 12-bit SAR ADCs, conceptually similar to the
ones used in [89], digitize all 24 analog outputs (EEG, ETI-I and ETI-Q from 8
channels), at 1kSps per channel.

4.5 Measurement

Active Electrode (AE) Back-End (BE)
i s

3
11mmI :.EEG ET-, ETI-Q n

8 Channels

wwe's

Figure 4.11 Chip photographs: (left) the AE, (right) the BE.
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The 8-channel AE system, including the AEs and the BE, is implement-
ed in a 0.18um standard CMOS process. Figure 4.11 shows the photographs of
both chips and the packaged AE placed on an 11mm diameter electrode. The 8-
channel system consumes less than 700uW from 1.8V. Table 4-1 shows the sys-
tem power breakdown.

Table 4-1: Power breakdown of the 8-channel AE system.

Active Electrode (AE) 11.1pAx9=100pA
Core Pre-amplifier S5uA
DSL 1.5pA
RRL 0.7uA
Bias 1.9uA
Current Source 2uA
Back-End (BE) Readout 265uA
Bias 10pA
8-channel EEG 56uA
16-channel ETI 83.2uA
ADC+SPI 115.2pA
Total Power of the System 365uA@1.8V=657uW

Figure 4.12 shows the measured original PWM data sent from the BE
and the demodulated serial data received by the AE, which demonstrates a
proper recovery of the register bits.

Al 1.00v. [ F 0.00s 5.00%~

11111001101

Serialou'r

LH
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Figure 4.12 Measured PWM input data (PWM) and demodulated output (Serialour).



74

Figure 4.15 shows the measured voltage gain of one EEG channel at
various PGA gain settings (3, 9, 12 and 18). The measured bandwidth of 200Hz
is determined by the LPF.
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Figure 4.13 Measured EEG channel gain as a function of frequency for various gain fac-

tors G (G=900, 1800, 2400, 3600).

Figure 4.14 shows the measured input impedance of an AE, which is
1.2GQ) at 20Hz and above 300M(Q at 50Hz.
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Figure 4.14 Measured input-impedance of an AE as a function of frequency.

Figure 4.15 shows the input-referred noise of one EEG channel (includ-
ing two AEs and one BE) versus frequency. When chopping is disabled, 1/f
noise is clearly visible; when chopping is enabled at 2kHz, 1/ noise dominates
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till 20Hz. Above 20Hz, the input noise density is constant at 75nV/sqrt(Hz).
The integrated noise is 1.75uVms from 0.5Hz to 100Hz.
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Figure 4.15 Measured input referred noise density per channel (two AEs and one BE).

Figure 4.16 shows the measured CMRR of one EEG channel (including
two AEs and one BE). In this measurement, the input common-mode signal is
made of a 100mVpp chirp from 1Hz to 200Hz, and it was applied to both AEs
directly without any electrode impedance. At 50Hz, enabling the CMFF im-
proves the CMRR by 25dB (from 60dB to 85dB). Figure 4.17 shows that the
measured CMRR between several pairs of AEs is always above 84dB.
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Figure 4.16 Measured CMRR (with and without CMFF).
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Figure 4.17 Measured CMRR @50Hz from different samples.

Figure 4.18 shows the AE’s output voltage as a function of time. When
a large transient electrode offset of 200mV is applied to the input of AE, its
output first saturates and then recovers to the reference voltage in about 20
seconds.

Transient Output [volt]

— Settling timé E——

0 1 L L

0 5 10 15 20 25 30
Time [s]

Figure 4.18 Measured Settling time of the DC servo loop (DSL).

Figure 4.19 and Figure 4.20 show the measured ETI resistance and ca-
pacitance versus their actual values, respectively. In these measurements, ei-
ther a test resistor (110Q2 to 280k()) or a test capacitor (100pF to 1uF) was con-
nected to the input of one AE, while the other AE was connected to the subject
bias voltage of Vad4/2 directly. The gain of the AE and BE were set to 101 and 9,
so that both the EEG and ETI channels have the same gain (*900). In this de-
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fault setting, the maximum differential ETI signal that the system can linearly
measure is approximately 60kQ or 2nF (at fi=1kHz). This is limited by the out-
put swing of the PGA in the BE (0.35V-1.45V), and the amplitude of the inject-
ed current (10nA). By lowering the gains of the AE and BE to 11 and 9, respec-
tively, ETIs of up to 550kQ) can be measured at the expense of less gain (=<100)
in the EEG channel. In principle, even larger ETIs can be measured by lowering
the amplitude of the injected current.
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Figure 4.19 Measured differential ETI resistance.
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Figure 4.20 Measured differential ETI capacitance.
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Table 4-2 compares the analog performance of the proposed 8-channel
AE system with state-of-the-art AE systems. The proposed system is able to
measure EEG and ETI signals simultaneously while still achieving very com-
petitive performance on input impedance, noise, electrode offset tolerance, and
CMRR. When it was published in [90], the proposed AE system also achieves
the lowest power dissipation per channel.

Table 4-2: Comparison table with the state-of-the-art AE System for biopotential signal

acquisition.

Parameters [80]+[91] [92] [93] [94] This work
Technology 0.18um N/A 0.35um N/A 0.18um
Supply 1.8V 5V 3V 3.3V 1.8V
AE Gain 3-100 100 N/A 11 11-101
Inputim= 1 (c0e10Hz | 1TQeDC | N/A N/A 1.2GQe20Hz
pedance
Noise per 1.2 Vims 7.49UVrms 0.9uVrms 2.4uVrms 1.75Vrms
Channel (0.5-100Hz) | (1-1kHz) | (0.5-100Hz) | (0.5-100Hz) | (0.5-100Hz)
Electrode
Offset Rejec- Rail-to-rail +250mV N/A Rail-to-rail +250mV
tion
CMRR 82dB 78dB 105dB 90dB 84dB
ETI Meas- No No Yes No No
urement
Power per
Channel 20uW 82uW
7.5mW ImW %Y
(including | (excl. [91]) om m 600u (EEG + ETI)
ADC)

4.6 A 4-Channel Wireless EEG Headset

The low-power highly-integrated AEs and BE are well suited for a battery-
powered wearable EEG device. A 4-channel wireless EEG headset using these
chips has been implemented (Figure 4.21). The headset consists of four record-
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ing AEs, one reference AE, and one bias electrode. Two mechanical bridges
cover all the electrode positions and have compartments for sensor node elec-
tronics and battery. The recording AEs are positioned at predefined positions
Cs, C4, Cz and Pz according to a 10-20 electrode EEG system. The reference AE
and bias electrode are positioned behind the ears on the mastoid bone. All
these electronics are connected via flat cables and embedded in the headset.

The digital outputs of BE ASIC are streamed out to a low-power micro-
controller [95] via a SPI protocol and stored in local memory. The data is then
transmitted wirelessly to a PC through a low-power radio [96]. The data
transmission of microcontroller and radio occupies more than 80% of the sys-
tem power, while AEs and BE only consume 5%.

Cz

Ref

AE1 (Pz)

]

C3

AE2 (C3)

Holst Centre -

— @
BE, uC, =
Radio —

AE3 (Cz)

AE4 (C4)
Battery

BE, uC,
Radio

Bias Bias

Figure 4.21 Wireless EEG headset and its internal electronics.

Figure 4.22 shows the spectrogram of 4-channel EEG signals measured
from a subject whose eyes were alternately opened and closed. There is no al-
pha wave during the eyes-open period for all channels, except some artifacts
due to blinking. During the eyes-closed period, the alpha waves at 10Hz are
clearly visible on all four channels.
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Figure 4.22 4-channel real-time EEG recording using a dry-electrode wireless headset,
during eyes open (left) and eyes closed (right). Output channels from top to bottom: C3,
C4, Cz, Pz.

4.7 Conclusions

This chapter presents a complete 8-channel active electrode (AE) system for
simultaneous EEG/ETI measurement with dry electrodes. The whole system
consists of nine AEs for high performance pre-amplification, and a low-power
highly configurable BE for analog signal processing and digitization. Several
techniques were implemented to improve the system performance. At the AE
level, electrode offset is rejected by a low-power DSL around a non-inverting
chopper IA, whose input stage utilizes improved transconductance for greater
noise efficiency. At the system level, a CMFF technique improves the CMRR of
an AE pair by 25dB; a single-wire PWM modulation reduces the number of
wires between the AEs and the BE; and a continuous-time ETI measurement
can sense electrode impedances up to 550kQ). To demonstrate its functionality,
the AE system was used to realize a battery-powered wireless EEG headset.
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CHAPTER 5

CURRENT NOISE OF CHOPPER AMPLIFIERS#

5.1 Introduction

Two types of AE architectures have been proposed, namely an inverting chop-
per IA (Chapter 3) and a non-inverting chopper IA (Chapter 4). The former
architecture provides rail-to-rail electrode offset tolerance at low power con-
sumption, while the latter has a better tradeoff between input impedance and
noise. However, a remaining issue for both of these architectures is the occur-
rence of extra 1/f2 noise at low frequencies.

This chapter investigates the root cause of 1/ noise of chopper amplifi-
ers through a theoretical analysis and measurements of several chopper IAs. It
is well known that the charge injection and clock feed-through associated with
the MOSFETs of the input chopper give rise to significant input current and
current noise, which may then be a significant contributor to the amplifier’s
total input-referred voltage noise. Furthermore, the chopper noise has a white
power spectral density, whose magnitude is roughly proportional to the chop-
ping frequency. Design guidelines are proposed to reduce the chopper noise. A
further proposal is the use of a clock-bootstrapped chopper, which exhibits less
noise than a traditional chopper.

5.2 Chopping and Current Noise

Chopping is a continuous-time technique in which polarity-reversing switches,
known as choppers, are used to modulate amplifier offset and 1/f noise to a
certain chopping frequency, thus enabling the realization of precision amplifi-
ers with low voltage noise and low offset [97]. As a result, chopper amplifiers

4 This chapter is derived from a journal publication of the authors: J. Xu, Q. Fan, et
al., “Measurement and Analysis of Current Noise in Chopper Amplifiers” IEEE ]. Solid-
State Circuit, vol.48, no.7, pp. 1575-1584, July. 2013.
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are often used in applications where precision signal conditioning is required,
e.g., in smart sensors, sensor interfaces [98], medical instruments [99], and pre-
cision voltage references [100].

In CMOS, the switches of a chopper are usually implemented as
MOSEFETs. Although it is well known that the transient spikes caused by
charge injection and clock feed-through of these periodically switched devices
will give rise to a net input current [101][102], not much is known about the
associated current noise. In [103], the current noise of a chopper amplifier was
attributed to the shot noise associated with this input current. In [104], meas-
urements of the current noise of a chopper amplifier are described. Although
the cause of this noise was not explained, it was observed that the measured
noise density was proportional to the square root of the chopping frequency
and was in the order of several tens of fA/sqrt(Hz). This is roughly a hundred
times higher than the current noise of conventional CMOS- or JFET-input am-
plifiers [105][106]. Some commercially available chopper amplifiers exhibit
even higher current noise densities (2100fA/sqrt(Hz)) [107]-[109]. When used
with high impedance sensors such as dry electrodes, photodiodes and piezoe-
lectric sensors, this current noise will be converted to voltage noise, which will
then add to, and may even dominate, the IA’s total input-referred voltage noise
[110].

5.3 Current Noise Analysis

Figure 5.1 shows the equivalent input circuit of a chopper IA connected to a
differential voltage source. The IA’s noise is modeled by an input-referred
voltage noise source (vnia) and an input-referred current noise source (in1a),
while the IA itself is considered to be ideal and noiseless. Rsi2 models the
source resistances. The total input-referred voltage noise can then be written as

2
Vin,amp

=Vi§,IA + Iii,IA '(Rsl + Rsz)z + 4kT(Rsl + Rsz) (5-1)



85

Rs1

Sensor
Rs2

Figure 5.1 Equivalent circuit model which describes the excess voltage noise due to the
source impedance and input current noise of a chopper amplifier.

The input bias current of a CMOS amplifier is usually quite low (in the
order of a few pA [105]) and is dominated by the gate leakage current of the
input transistors and the leakage current of the ESD protection circuit. The as-
sociated current noise (inia) is mainly due to shot noise, and so is also quite low
(<1fA/sqrt(Hz)) [105][106]. Hence, the current noise of a CMOS amplifier is
usually a negligible contributor to its total input-referred noise.

However, CMOS chopper amplifiers exhibit substantially higher levels
of current noise [107]-[109]. This excess noise must therefore be related to the
periodic switching of the MOSFET switches of the input chopper. The rest of
this section presents an analysis of the major noise sources associated with this
activity.

53.1 Charge Injection and Clock Feed-Through

Charge injection and clock feed-through are well-known error sources associ-
ated with MOSFET switches. In a chopper, one pair of switches will be “on”,
while the other is “off”. As shown in Figure 5.2, when a pair of NMOS switches
is turned off, their channel charge and some of the charge in their overlap ca-
pacitance (Col) will be injected into the circuitry connected to their drain and
source terminals (modeled by the capacitors Cs and Ci) [111].
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Figure 5.2 Charge injection and clock feed-through of the input chopper switches.

The total charge (Q:12) that is injected into the source (or drain) circuit is
given by (5-2), where W and L are the width and length of the chopper switch-
es, Cox is the gate oxide capacitance, Coi is the overlap capacitance between gate
and source (drain), Vod is the overdrive voltage, and Vax is the clock swing.

Ql,z :WLCoxVod +Colvclk (5_2)

This periodic charge injection and clock feed-through at the chopping
frequency causes transient current spikes (Figure 5.3), whose average value (I12)
is given by

I1,2 = Q1,2 :2fchop(WLC \Y +Colvclk)

T /2 ox " od

chop

(6-3)

Ideally, the transient current spikes caused by a pair of chopper
switches turning off should be compensated by the charge required to turn on
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the other pair, leading to a net zero input current. However, mismatch between
the switches and slight differences in their turn-on and turn-off times results in
a net input current with a typical magnitude of several tens of pA [112][113].
This is much larger than the gate leakage currents of the MOSFETs or the leak-
age currents of the ESD diodes. The right-hand side of (5-3) may thus be re-
garded as an upper bound, especially since the exact amount of input current
will also depend on the relative magnitudes of the capacitances Ci and Cs con-
nected to the chopper. From (5-3), the input current should be proportional to
the chopping frequency, which is in good agreement with the measurements
reported in [104].

Vchop
Vchop_\_ Ve
DL P2| D1| P2

:é} Vss | > t
D

Col T Cy

~ <
Qci

Qcf
11 f
4—
S

Figure 5.3 Periodic charge injection and associated transient current of an input chopper
switch.

5.3.2 Shot Noise due to the MOSFETs Channel Charge

Shot noise is associated with the non-uniform flow of charge carriers in semi-
conductors. This noise has a white noise spectrum, whose PSD is proportional
to the average current [114][115]. Since the current spikes associated with the
charge injection of the MOSFETs in the periodically-switched MOSFETs give
rise to a net input current, the hypothesis is that this current will also be ac-
companied by shot noise [103]. The PSD of this current noise should then be
linearly dependent on the average current I12 through the chopper switches, as
shown in (5-4), where g=1.6e" C is the electron charge. The average noise den-
sity of this impulse noise can then be expressed as
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:2 =2
In,ci o 2q|1,2 In,ci

oc 4gf, WLC,V, (5-4)

chop ox" od

This indicates that the current noise PSD associated with charge injec-
tion should also be linearly dependent on the chopping frequency.

5.3.3 KT/C Noise from the Clock Driver

The clock driver circuit is another possible source of noise. As shown in Figure
5.4, it can be modeled as a resistance (Rg) in series with the gate-source capaci-
tance (Cgs). Since this resistor (and any other series resistance in the gate charg-
ing circuit) will generate thermal noise, the channel charge will fluctuate, and
so a certain noise charge will be injected into the surrounding circuitry every
time the MOSFET is turned off. The root mean square (rms) value of this noise
charge (Qnms) can be expressed as

Qn,rms = \/kTCgs = \/kTWLCox (5'5)

As before, this periodically injected noise charge will give rise to an av-
erage RMS noise current of

m = 2 fchoan,rms = 2 fchop Y kTWLCox (5'6)

Assuming that this impulse noise is approximately white and distrib-
uted over the fundamental interval between 0 and fchop/2, then its PSD is given

by
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This PSD is also a linear function of the chopping frequency.
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Figure 5.4 Periodical noise charge injection and associated noise current of an input
chopper switch.

5.3.4  Parasitic Switched-Capacitor (SC) Resistance

Due to the action of the input chopper, the amplifier’s input parasitic capaci-
tances (Cp) will be charged and discharged by the input voltage and give rise to
a net DC current [101][102]. As shown in Figure 5.5, this effect can be modeled
by a switched-capacitor resistor (Rs) at the amplifier's input [116][117]. This
resistance generates current noise in the same manner as a physical resistor
[118].

e =—— Re=o7—"% (5-8)
SC chop™~p
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Figure 5.5 Input parasitic SC resistance of a chopper amplifier.

The resulting current noise PSD is again proportional to the chopping
frequency (fcop) and to the input parasitic capacitance (Cp) of the amplifier.
Since the switched-capacitor resistor is usually quite large (tens or even hun-
dreds of MQ), the magnitude of the current noise PSD is usually negligible.

5.3.5 Summary

The total chopper noise PSD (in1a) is obtained by summing the contributions of
all the above-mentioned current noise sources. Table 5-1 shows the parameters
of the MOSFET switches (in an ON Semiconductor 0.5pum CMOS process) used
in the input chopper of a CMOS chopper IA [99]. Also shown is the calculated
contribution of each noise source, assuming that eight of these transistors (four
NMOS and four PMOS) are used to realize the four complementary switches of
its input chopper. The results show that the total current noise is dominated by
the contribution of charge injection, and so from (5-4), the chopper noise PSD
should be linearly proportional to the chopping frequency.
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Table 5-1: Parameters of a typical MOSFET switch in 0.5pum CMOS technology and cal-
culated current noise-induced contribution to voltage noise density of a CMOS chopper
consisting of eight MOSFETs (T=25°C or 298K).

Parameters Explanations Typical Value Unit

144 Width 30 pm

L Length 0.5 pm

Cox Gate oxide capacitance 2.5 fF/pm?
Vs Gate-source voltage 1.9 \%

7

Vin Threshold voltage (()) 9 ((II\)]AI\//[I(O)SS)) \Y%
felop Chopping frequency 4 kHz

o Input parasitic capacitance 125 fF

nei Current n(i)ls.e d'en51ty 304 £A/sqrt(Hz)

(charge injection)

. Current noise density

e 1.1 fA H
e (KT/C noise) fsqrt(Hz)
e Current noise density 41 £A/sqrt(Hz)

(parasitic SC resistance)

5.4 Current Noise Measurement
54.1 A Conventional Chopper Modulated IA

Figure 5.6 shows the schematic used to measure the current noise of a chopper
IA. Its input chopper consists of 4 complementary CMOS switches, whose
characteristics are shown in Table 5-1. The IA is configured with a voltage gain
of 800 and a bandwidth of 200Hz. Since it was intended for biomedical applica-
tions, an internal DC-servo loop ensures that the amplifier has a high-pass
characteristic with a corner frequency of approximately 0.5Hz.

A low-noise input bias voltage, Vv, is generated from a 3.3V battery.
Two large resistors (R=10MQ) ensure that the chopper IA’s current noise is the
dominant contributor to its total input-referred noise; i.e., that equations in (5-9)
are satisfied [119].
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Figure 5.6 Schematic illustration of current noise measurement of a chopper IA.

ir?,IARsz > VE,IA ir?,IARsz > 4KTR, (5-9)
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The input current noise PSD can then be determined from (5-10),
where vnouw is the measured output noise voltage, G is the IA’s voltage gain,
and the IA’s voltage noise vnia and source resistance Rs are known. Note that
the thermal noise of the choppers’ on-resistance is included in the measured
VnIA.

2

[ V —_—
s,IA = E;Ut _Vr?,IA _8kT& 2Rs,2

2 (5-10)

Figure 5.7 and Figure 5.8 show the measured voltage gain (G) and the
input-referred voltage noise density (vnia) of the chopper IA, respectively.
These results were used to determine the input-referred current noise density
and confirm the proper operation of the IA at the various chopping frequencies.

60
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—no chopping
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Frequency [Hz]

51r

Figure 5.7 Measured voltage gain (G) of the chopper IA.
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Figure 5.8 Measured input-referred noise (vn1a) of the chopper IA.

The measured input-referred current noise PSD at various chopping
frequencies is shown in Figure 5.9 and Figure 5.10. As predicted by (5-4), the
PSD of this chopper noise is linearly proportional to feop. Figure 5.11 shows
that, the measured input current noise density is independent of the value of
source resistance, as expected.
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Figure 5.9 Measured input current noise PSD (in1a) of the chopper IA.
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Figure 5.10 Input current noise PSD versus chopping frequencies.
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Figure 5.11 Measured input noise current density (in,IA) with different source resistors

(fchop=4kHz).
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Figure 5.12 Measured SC input impedance of the chopper IA.

Figure 5.12 shows the measured SC input impedance of the chopper IA
at different chopping frequencies. The smallest input impedance is about
250MQ, which corresponds to the highest chopping frequency of 16kHz. Hence,
the maximum current noise density associated with this SC input impedance is
only 8fA/sqrt(Hz), which is negligible compared to the measured total current
noise density of 158fA/sqrt(Hz) at this chopping frequency.

5.4.2 Chopper Amplifiers with Capacitive Feedback

In other IA architectures, chopper noise will also cause significant excess volt-
age noise when the input chopper is located at a high-impedance internal node.
For example, consider the inverting IA shown in Figure 5.13, which has been
presented in Chapter 3. This IA utilizes a coupling capacitor (C1) to block the
input DC offset, while using a pseudo resistor (Rz) and a capacitor (Cz) in the
feedback path to define its voltage gain and establish a high-pass corner at
about 0.5Hz. As a result, the IA’s virtual ground is a high-impedance node,
which converts chopper noise into a significant amount of excess voltage noise.
The IA was implemented in a standard 0.18um process, and its input chopper
consists of four NMOS devices (W/L=0.5/0.18).
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Figure 5.13 Inverting chopper IA.

Due to the presence of C: in the feedback path, the excess voltage noise
PSD exhibits a 1/f> spectrum (with a pole at 1/R2C2), which is given by

2
g (L
excess,ICA ~ 'n,1A 1+ SRZCZ (5-11)

With chopping disabled, the current noise is quite low, and so any 1/f
noise is buried in 1/f noise. This has been verified by periodic noise simulations
and measurements (Figure 5.14), where Proise refers to the periodical noise sim-
ulation, and I« is the noise density of the additional current noise source. As
can be seen, the simulation results match the measurement results well.

With chopping enabled, however, the ensuing chopper noise results in
an excess of 1/f voltage noise, which dominates the IA’s noise performance
(Figure 5.15). In order to simulate the effect of chopper noise, a current noise
source at the high-impedance chopping node (Figure 5.13) was added. As
shown in Figure 5.15 to Figure 5.18, its magnitude was then adjusted to fit the
measurements obtained at different chopping frequencies. The resulting cur-
rent noise densities range from 7.5fA/sqrt(Hz) at feop=500Hz (Figure 5.15) to
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21fA/sqrt(Hz) at faop=bkHz (Figure 5.18) and are in line with (5-4), and are
roughly proportional to the square root of the chopping frequency.

No choppmg

: . — Pnolse simulation W|thout|ns e
107 B N e PR OISE: simulation: wnthlns (1 fA/sqrt{Hz)) rrrrrr
: : r— measurement : : i

Input Voltage Noise PSD [VZIHz]

Frequency [Hz]

Figure 5.14 Measured and simulated input referred noise of an inverting IA without
chopping.

A similar effect occurs in the non-inverting chopper IA [120] shown in
Figure 5.19, which was also implemented in a 0.18um process and has been
presented in Chapter 4. The IA utilizes a CMOS chopper with equally sized
PMOS and NMOS devices (W/L=2/0.18). With chopping disabled, the IA’s 1/f
noise is dominant, and the measured noise is again in good agreement with
simulations (Figure 5.20). With chopping enabled, 1/f* noise becomes dominant
since the [A’s inverting input is a high-impedance node. The measured noise
corresponds to a current noise density that ranges from 12fA/sqrt(Hz) at
ferop=500Hz to 32.5fA/sqrt(Hz) at feop=5kHz, as shown in Figure 5.21 to Figure
5.24, respectively. Similarly, the current noise density is roughly proportional
to the square root of the chopping frequency. In this design, the feedback ca-
pacitors were much larger (16x) than those in the inverting IA, and so, alt-
hough the 1/ corner is still dominant, its corner frequency is significantly low-
er.
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Figure 5.15 Measured and simulated input referred voltage noise of an inverting chop-
per IA at fcnop=500Hz.
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Figure 5.16 Measured and simulated input referred voltage noise of an inverting chop-
per IA at faop=1kHz.
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Figure 5.17 Measured and simulated input referred voltage noise of an inverting chop-
per IA at faop=2kHz.
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Figure 5.18 Measured and simulated input referred voltage noise of an inverting chop-
per IA at faop=bkHz.
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Figure 5.19 Non-inverting chopper IA.
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Figure 5.20 Measured and simulated input referred voltage noise of a non-inverting IA
without chopping.
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Figure 5.21 Measured and simulated input referred voltage noise of a non-inverting IA
at fchop=500HZ.
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Figure 5.22 Measured and simulated input referred voltage noise of a non-inverting IA
at fchop=1kHZ.
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Figure 5.23 Measured and simulated input referred voltage noise of a non-inverting IA

at fchop=2kHZ.
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Figure 5.24 Measured and simulated input referred voltage noise of a non-inverting IA

at fchopzskHZ.
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5.5 A Dedicated Noise-Testing Chip

In order to investigate the relationship between chopper noise, charge injection
and clock feed-through, a dedicated noise-testing chip was implemented in a
0.18um CMOS process (Figure 5.25). The chip consists of four chopper IAs,
similar to the one described in [99], but each equipped with four different types
of input choppers (Figure 5.26): an NMOS chopper, an NMOS chopper with
dummy switches, a CMOS chopper, and a bootstrapped NMOS chopper with a
low-swing chopper clock. The NMOS chopper was used as a reference, while
the other three types of choppers represent various known methods of reduc-

ing charge injection and clock feed-through errors.

~ 237990 MENIT BENEEEERR
i 5ty

E]

Figure 5.25 Chip photograph of the noise-testing chip.

As in [121], the bootstrapped NMOS chopper uses a capacitively-
coupled clock driver to ensure that the MOSFETs are driven at a constant
overdrive voltage that is independent of input CM variations. This can also be
achieved with a switched-capacitor scheme proposed in [122]. The coupling
capacitors and the chopping clock amplitude are chosen such that the ampli-
tude of the resulting Vg is reduced by a factor of 2. To maintain the IA’s high
input impedance, a voltage follower is used to buffer the input CM voltage and
supply the current spikes required by the clock drivers [122].
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Figure 5.26 Four types of input chopper switches: a) NMOS, b) NMOS with dummy
switches, ¢) CMOS, and d) NMOS with bootstrapped clock drivers.
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Figure 5.27 Current noise PSD comparison of NMOS chopper IAs at various chopping
frequencies.
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Figure 5.28 Current noise PSD comparison of four chopper IAs (f=4kHz).

The current noise PSD of the reference NMOS chopper shows the ex-
pected linear relation with the chopping frequency (Figure 5.27). The current
noise PSD produced by the four input choppers is compared in Figure 5.28. It
is interesting to note that both the CMOS chopper and the NMOS chopper with
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dummy switches generate more current noise than the reference NMOS chop-
per, while the bootstrapped NMOS chopper generates the lowest current noise.
The reason for this is that chopper noise is related to the charge injection, and
hence the shot noise, which is associated with the individual chopper switches.
As such, it cannot be cancelled by using dummy or complementary MOSFETs.
In fact, the use of additional MOSFETs only increases the total amount of
charge injection and hence the total amount of current noise. However, the
bootstrapped NMOS chopper is driven by a low-swing clock, which reduces its
charge injection and thus leads to less current noise.

As shown in Figure 5.29, all the alternative chopper architectures do
reduce the IA’s DC input current to various degrees. Apparently, the charge
injection of the main NMOS switches can be significantly reduced by a low-
swing clock driver, and effectively cancelled by the use of simultaneously-
clocked PMOS or dummy switches, thus leading to lower input currents. As
expected from (5-3), the input current of all four chopper IAs increases mono-
tonically with fehop.

110 T T T T

100+ SN R VT T,
—+—NMOS
90} —=—NMOS + Dummy
CMOS
80 |——NMOS (1/2 CLK)
T
2 T0r
5
£ 60+ NMOS
- NMOS (1/2 CLK)
a 50
40
30+ i
sl / NMOS + dummy |
'/ I "J L L
100 2 10 12

4 6 8
Chopping Frequency [kHz]

Figure 5.29 Input current comparison of four chopper IAs.

5.6 Methods of Reducing Current Noise

From the measurements on the noise-testing chip, reducing the charge injection
associated with the individual chopper switches is the best way to reduce
chopper noise. This observation suggests the use of minimum-size NMOS or
PMOS switches (subject to on-resistance considerations), the lowest possible
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chopping frequency (subject to 1/f noise considerations), and the use of a low-
swing clock driver (again subject to on-resistance considerations) to achieve
this reduction. In this chapter, a bootstrapped clock driver uses a constant
overdrive voltage to drive the MOSFETs of the input chopper. In some cases, it
may be possible to simply avoid chopping at high impedance nodes [123]. In a
chopper IA with capacitive feedback, for instance, the input chopper can be
located at the output, rather than at the input, of the input stage. This will elim-
inate the excess voltage noise 1/f2 caused by chopper noise. Although the 1/f
noise of the input stage will now not be chopped, its effect can be somewhat
reduced by increasing the size of the input MOSFETs.

5.7 Conclusion

This chapter presents a theoretical analysis and experimental verification of the
current noise generated by chopper IAs. This current noise is associated with
the charge injection of the input chopper’'s MOSFET switches, which, in turn,
gives rise to a net input current and, we hypothesize, to shot noise. The result-
ing chopper noise has a white noise spectrum, and its PSD is roughly linearly
proportional to the chopping frequency. When chopping is performed at very
high-impedance nodes, e.g., in IAs with capacitive feedback networks, chopper
noise can cause significant amounts of voltage noise, which may then dominate
the amplifier's overall noise performance. The use of a bootstrapped clock
driver, which drives the input chopper’s MOSFETs with reduced overdrive
voltages, is shown to significantly reduce chopper noise.
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CHAPTER 6

A DIGITAL ACTIVE ELECTRODE SYSTEM>

6.1 Introduction

Previous chapters present several AE architectures with analog outputs. These
analog AEs achieve good performance at a low power consumption. However,
there are still limitations remaining. The major one is the use of multiple ASICs
(AEs and BE), which increase the total cost of an AE system. In addition, the
maximum number of recording channels can be practically limited by the
number of connecting wires required by the various AEs. A multi-channel AE
based EEG system typically requires tens of wires connected to the BE, thus
increasing system bulk and leading to poor user acceptance.

This chapter presents a digital active electrode (DAE) system (Figure
6.1) for multi-parameter biopotential signal acquisition in portable and weara-
ble devices. Each DAE is built around an ASIC that performs analog signal
processing and digitization with the help of on-chip instrumentation amplifiers
(IAs), a 12-bit ADC, and a digital interface. Via a standard 2-wire I>C bus, up to
16 DAEs (15-channels) can be connected to a commercially available microcon-
troller, thus significantly reducing the system’s complexity and cost. At the
circuit level, each DAE utilizes an innovative “functionally” DC-coupled am-
plifier for extremely low frequency biopotential signal measurements while
still achieving state-of-the-art performance. At the system level, a generic
common-mode feedforward (CMFF) technique improves the CMRR of an AE
pair from 40dB to maximum 102dB.

5 This chapter is derived from a journal publication by the authors: J. Xu, B. Biisze, et
al., “A 15-Channel Digital Active Electrode System for Multi-Parameter Biopotential
Measurement,” IEEE ]. Solid-State Circuits, vol.50, no.9, pp. 2090-2100, Sept. 2015.
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Figure 6.1 Wearable digital active electrode (DAE) system for multi-parameter physio-
logical measurement.

6.2 IC Architecture Overview

The DAE chip (Figure 6.2) can simultaneously measure biopotential signals (in
the ExXG channel), real and imaginary ETI signals (in the IMP and IMQ chan-
nels), and DC and extremely low frequency biopotential signals (in the DC
channel). The signal chain starts with a chopper IA configured for a voltage
gain of 70, which improves the noise/power tradeoff of the following pro-
grammable gain amplifiers (PGA). The IA contains a ripple reduction loop
(RRL) [124] and a DC-servo loop (DSL) [125] to attenuate chopper ripple and
reject electrode offset, respectively. The IA’s output is split into two channels
for separate demodulation of the ETI and ExG signals.
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Figure 6.2 Architecture of a digital active electrode (DAE) chip.

The ETI channel is implemented in a similar manner as in the AE de-
scribed in Chapter 4. Each ETI channel consists of two chopper PGAs that de-
modulate the ETI signals with in-phase fi (0°) and quadrature-phase fi (90°)
clocks, with respect to a square-wave current injected into the electrode. The
DC outputs of IMP and IMQ then represent the real and imaginary compo-
nents of the ETI, respectively. Compared to the previous implementation, the
new PGA of the ExG channel includes a notch filter to reject the ETI signals at fi
(0°). This prevents the PGA’s saturation, resulting from the (large) ETI signals
that may occur when dry electrodes are used. The detailed operation of the
PGA is explained in section 6.3.2.

The DC channel acquires the DC and extreme low frequency signals
present at the output of the DSL. In the frequency domain, the normalized gain
and phase of the DC channel complements that of the ExG channel, making it
possible to reconstruct DC-coupled ExG signals by combining the outputs of
the ExG and DC channels [126][127].

These four measurement channels are simultaneously sampled by fsu
and connected to an 8-to-1 analog multiplier, through which a back-end micro-
controller (uC) selects the channels of interest. A 12-bit SAR ADC [128] digitiz-
es the outputs of these selected channels at 250Sps to 2kSps, and the digital
outputs are transmitted to the back-end uC through an I2C interface.
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6.3 Analog Signal Processing
6.3.1 A “Functionally” DC-Coupled Instrumentation Amplifier (IA)

IAs used in EEG application should tolerate at least +300mV electrode offset.
For an AE system, each AE should handle the same amount of offset with re-
spective to the subject bias voltage. As discussed in Chapter 2, previous IAs
suffered from the tradeoff between electrode offset, input impedance, noise,
and power [130]-[132]. To tolerate a large electrode offset, the gain of a truly
DC-coupled amplifier will be reduced by the need to avoid clipping [130].
Therefore, a high resolution ADC will be required to digitize the small (uV)
biopotential signals superimposed on a much larger (mV) electrode offset,
leading to high power dissipation on each channel. In contrast, AC-coupled
amplifiers, implemented with passive coupling capacitors, enable low-power
rail-to-rail offset rejection [125][131][132]. But this comes at the cost of filtering
out the DC and low frequency signals. Capacitively-coupled chopper IAs miti-
gate 1/f noise by chopping the input signal before the coupling capacitor
[133][134], but their input-impedance is limited by switched-capacitor re-
sistance. AC-coupled IAs with voltage-to-current DC-servo loops solve this
problem [126][135]. However, these IAs only compensate for a few tens of mil-
livolts of electrode offset, limited either by noise considerations or by the max-
imum current provided from the feedback loop.

This section presents a “functionally” DC-coupled chopper IA architec-
ture with a voltage-to-voltage feedback (Figure 6.3) to facilitate (large) elec-
trode offset tolerance while still optimizing the IA’s performance tradeoff. The
core IA is implemented with a current feedback IA [135], chopped at 4kHz to
reduce its flicker noise. This IA architecture provides high input impedance
(100MQ at 50Hz) and wide input CM range (0.5V-1.2V), making it robust to
electrode impedance mismatch and DC polarization from dry electrodes. The
DSL consists of a gm-C integrator that monitors the output offset and then can-
cels it by driving the core IA’s inverting input. As a result, the IA can reject up
to £350mV of electrode offset, which is determined by the amplifier’s input CM
range and noise specification.
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Figure 6.3 “Functionally” DC-coupled chopper IA and its core amplifier.

An interesting feature of this IA architecture, as well as of any IA
equipped with a DSL configured in voltage-to-voltage feedback, is the preser-
vation of the DC and low frequency information, which is available at the out-
put of the DSL. The IA’s normalized AC and DC outputs have complementary
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gain and phase characteristics, so these two outputs can be combined to im-
plement a “functionally” DC-coupled IA. It has the same transfer function as a
truly DC-coupled IA (Figure 6.4), but with a much wider DC dynamic range
(+¥350mV) in conjunction with a high AC gain (>40dB). The wide DC dynamic
range mitigates electrode offset from dry electrodes, while the high AC gain
relaxes the required ADC resolution.
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Figure 6.4 Measured normalized gain of ExG and DC channel (by dividing the respec-
tive channel gain measured at analog outputs), and the re-combined gain and phase.

The DSL utilizes a weak transconductance (gm2=3uS) [136] and an ex-
ternal capacitor (Cex=1pF) to achieve a low cutoff frequency (<0.5Hz). In addi-
tion, a large Cext reduces the impedance at the input chopping node, reducing
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the 1/f noise generated by the IA’s input current noise [137]. To suppress the
1/f noise of the DSL and the RRL, both loops are chopped.

The thermal noise PSD of the core IA, the RRL and the DSL, respective-
ly, is given by

2 Vn2 I

VHZ]IA — ,corelA -

[1+ ngmlRoj (6'1)
Cint
vz oo—|yz2 +|§vi -g2,R?
n,RRL n,gml Szcs1t mitY (6-2)
Jon

Vnz,DSL :Vnz,gmz : Szézz (6-3)

ext

where Vicorels, Vngmi and Vingm2 are the input referred noise of the core IA, trans-
conductance gm: and gms, respectively, Incsis the input current noise of the cur-
rent buffer, Ri and Ro are the input and output resistors that determine the gain
of the core IA, and Cs is the RRL’s input capacitance for voltage-to-current con-
version. The total input referred noise of an AE is dominated by the core IA as
shown in (6-1). Large integrator capacitors (Cin=150pF and Cex=1uF) are select-
ed to minimize the noise contribution of the core IA as well as of the RRL and
the DSL.

At start-up, the circuit takes tens of seconds to settle due to the large
time constant of the weak gm2 and the external Cext (Figure 6.5). To overcome
this issue, the AE includes a foreground fast-settling path, so that a stronger gms
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(=100gm2) in parallel can be temporarily switched on during the start-up, ensur-
ing a settling time of less than 1 second.

1

0.9
osll Gm3 enabled
Settling <1s

Gm3 disabled
Settling time>70s

VoutDc [volt]

O. 2 L 1 Il 1 L L
0 20 40 60 80 100 120 140

Time [s]

Figure 6.5 Measured settling time with and without gums.
6.3.2 Programmable Gain Amplifier (PGA)

In the ExG channel, the PGA (Figure 6.6) provides a programmable gain that
facilitates both EEG and ECG applications. Chopper modulation is used to mit-
igate the low-frequency 1/f noise. A notch filter attenuates the ETI signal before
it is filtered by the succeeding low-pass filter (LPF). The operating principle is
similar to the RRL. Any in-phase ETI signal at the PGA’s output is first con-
verted to an AC current via Cs, which is then demodulated back to DC and in-
tegrated on capacitor Cint. Transconductor gms up-converts the DC voltage to an
AC current and feeds it back to the PGA (Figure 6.7). This feedback current
compensates for the ETI current flowing through Ri. On the other hand, the
ExG signal at the PGA’s output is up-modulated to 1kHz, and so is suppressed
by Cint. The PGA can attenuate the output ETI signal by

A, rorpin = Geea ~ Z, @i
,PGA@1kHz
Rout,CB “Oma - Ro,PGA 1 Rout,CB “Oma - Ri,PGA (6-4)
Zs@lkHz

where Z=Cs//Rincs, Rincs and Rou,cs are the input and output DC resistance of
the current buffer (CB), respectively. Ripca and Rorca are the PGA’s internal
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feedback resistors. To maximize the attenuation, the PGA utilizes a cascode
current buffer and a large input resistor (Rirca=1MQ). Figure 6.8 shows that the
notch filter can reduce the output ETI signal (fer=1kHz) by a factor of 40.

1kHz

Figure 6.6 PGA with a notch filter for ETI signal rejection.

PGA

Figure 6.7 Core PGA with a programmable resistor load.
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Figure 6.8 Simulated ETI signal at PGA’s output (Gpca=5, VErLinput=280mVpp@1kHz).

The core PGA utilizes the same IA architecture but with single-ended
output. The coarse gain (2, 10 and 20) is selected via Rorca, while Roac is im-
plemented with a 12-bit programmable resistor array and can be trimmed with
50Q2 resolution. To achieve this goal, very large CMOS switches (W/L=500/0.18)
are used. Roac can be used to trim the channel gain of two DAEs, and so can
improve the CMRR at the analog outputs by about 5dB. However, the CMRR
improvement at the digital outputs is obscured by the 12-bit ADC’s quantiza-
tion [138]. Instead of trimming, a common mode feedforward (CMFF) tech-
nique can also improve the CMRR of two DAEs. This will be discussed in de-
tail in section 6.5.

The IMP and IMQ channels also include PGAs for a wide range of the
ETI measurements. The PGA does not have a notch filter and only contains an
output chopper for ETI demodulation, because an ExG signal typically has a
lower magnitude than an ETT input signal.

6.4 Digital Interfaces

The built-in digital interface is responsible for data transmission between the
AEs and the digital back-end (DBE), as well as for clock signals generation of
the AEs. An I2C interface is selected because it only requires two wires (SCL
and SDA) for bi-directional communication (Figure 6.9), and it is compatible
with many commercially available pCs. Although the equally popular SPI in-
terface can operate at higher clock speeds (up to tens of MHz), it requires four
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wires (MISO, MOSI, clock, and a separate chip selection to each IC), which
would substantially increase the system’s wiring bulk.

00s 500 top

100.08 50.00%/

Broadcast Updated AE Settings ADC Outputs
Figure 6.9 Data (SDA) and clock (SCL) signals of an AE’s I?C bus.

Compared to a standard I>C interface, the proposed digital interface al-
lows a global read and write to all DAE sensors. The global write configures
and synchronizes DAEs at each 12C cycle. The global read enables DAEs to se-
quentially transfer the data back to the master node with only a single com-
mand. This avoids the need for the I2C master to address each DAE individual-
ly, thus reducing the control overhead and the amount of data toggling on the
bus.

Each individual DAE chip can be given a 4-bit address via four exter-
nal pins, allowing up to 16 DAEs to be connected to a single uC. In order to
align the sampling moments of the individual DAE nodes, the back-end uC
first sends a broadcast packet to all ICs (Figure 6.10). This broadcast packet (12C
address=0) is identified by each DAE chip independent of its base address on
the I2C bus. The broadcast packets align the sample-and-hold (fs#) and ADC
sampling clocks of each DAE and also select two internal measurement chan-
nels of each IC (via MUX<1:0> in Figure 6.2), whose outputs will be sent to the
pC in the next I2C cycle. In this way, the back-end puC has full control of the
DAE and can flexibly select any channel of interest. The broadcast packet is
followed by configuration settings from the uC, including various measure-
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ment modes of the DAE. The digital outputs of each IC are then transmitted to
the uC during the next I2C cycle.

The internal clocks of each DAE IC are derived from a 1IMHz master
clock, which is generated by a ring-oscillator on each AE. The clock generation
module outputs configurable 1kHz to 32kHz clock, synchronized at each
broadcast packet, for internal use by the chopper amplifier, ADC, ETI meas-
urement, and digital logic. For flexibility, both internal clocks and DAE’s sam-
ple rates are programmable. Although the 1IMHz master clocks and the down-
converted internal clocks (1kHz to 32kHz) of the DAEs suffer from frequency
variations (~10%) due to the oscillators’ PVT variations, the internal clocks for
chopping and ETI measurements among different DAEs do not need to be syn-
chronized. On the other hand, the sampling clocks of all DAEs are synchro-
nized at every I?C interval (1ms in default) by the 5MHz I>C clock shared by all
DAEs.

ADDR €— Broadcast
Brovdest | Updated A€ Setings  ADC Outputs

'ég:;a 80 | AE<0> - AE<15> [AEo[o]| - [aEasio]] [ 81| AE<0> -~ AE<a1s> [aEo[a]] - [ae1sp)|
Broadcast
Trigger [ |_|
WO o T
clock
signals ri
generated ADE | ) | |—’|
on AE P
ADC data oc X EEG X MP ¥ EEG X

e 1 A

Chopping, ETI

Figure 6.10 Timing diagram of the I>C interface and internal clocks.

6.5 CMRR Enhancement

There are two different AE mismatch mechanisms that limit the CMRR be-
tween a pair of AEs. The first is an electrode impedance mismatch, which is
actually more of a problem with dry electrodes. In this case, the AE should
maintain very large input impedance over the entire ExG bandwidth to miti-
gate any voltage division. The second is the AEs’ gain mismatch. Compensat-
ing for these mismatches can significantly improve the CMRR and signal quali-

ty.
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A further challenge of the DAE system is the need to achieve a wide
CM input dynamic range for each AE. This is because each DAE can be mod-
eled as a single-ended amplifier with a large gain (up to 1400), followed by a
12-bit ADC. As a result, any CM aggressor (e.g., mains interference, motion
artifacts) that appear at the DAE’s input can easily distort or saturate its
readout circuits, even in the absence of any gain mismatch between the DAEs.

Previous designs have employed feedback techniques to improve
CMRR and input CM dynamic range. The driven-right-leg (DRL) approach
[139], for instance, has been widely used to compensate for CM interference by
feeding the CM signal back to the subject through a bias electrode (or ground
electrode). However, the resulting feedback loop may suffer from instability
because the loop gain is not well defined, especially with the large and ill-
defined electrode impedance associated with the use of dry electrodes. Com-
mon-mode feedback (CMFB) circuits can solve this problem by feeding the CM
signal back to the amplifier’s input, instead of the subject. However, an analog
CMFB circuit [131] relies heavily on large passive components and results in
poor flexibility and area-efficiency. Alternatively, a digitally-assisted CMFB
scheme [138] extracts the CM signal of all DAEs in the digital domain, converts
it back to an analog signal via a DAC, and then feeds it back to each DAE.
However, the latency induced by the I2C bus significantly shifts the phase of
the analog CMFB signal relative to the input CM signal. This results in reduced
phase margin and may destabilize the CMFB loop. To mitigate this stability
problem, the bandwidth and gain of the CMFB loop has to be sacrificed [138].
Another major issue with all these “feedback-based” techniques is their insta-
bility during the electrode “lead off” condition. Since the common-mode ex-
traction loop is broken, any electrode making poor electrical contact can cause
the failure of the system [140].

The system utilizes a new and more generic CMFF technique to im-
prove the CMRR of two AEs, providing advantages over a previous CMFB
technique [138] in terms of higher CMRR bandwidth, better power-efficiency,
and stability. Furthermore, this CMFF technique is generic and applicable to
different types of AE architectures, such as inverting amplifiers or non-
inverting amplifiers, whereas the CMFF technique proposed in [141] is only
suitable for non-inverting amplifiers. The key idea of the new CMFF technique
(Figure 6.11) is to apply an input CM signal to all the DAEs before pre-
amplification. The input CM signal is applied to the inverting inputs of all IAs
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via a buffer and their capacitively-coupled DSLs. Therefore, the input CM sig-
nal to a pair of AEs is compensated at their differential outputs, although their
differential ExG amplification is not affected. This new CMFF technique has
another major advantage: the buffered CM signal is applied to all DAEs
through a very low impedance, which reduces the noise and interference
pickup from the environment, similar to the noise reduction principle of an
active electrode.

In the detailed implementation strategy (Figure 6.11), the input CM
signal can be acquired from an additional electrode, or simply from the refer-
ence electrode, or from any one of the recording electrodes. This flexible selec-
tion is based on the fact that the DAEs’ input CM signals picked up from the
environment are quite similar. In extreme cases where the electrodes are placed
far from each other, several local CMFF schemes can be used for different
groups of DAEs.

Signal
Electrode 1

Reference

Electrode 16
ST hofe<ag

unjs yoafgng

W
1| < x1
v

CMFF Buffer

Subject Bias
(2 Vdd)

Figure 6.11 CMRR improvement through the use of a CMFF electrode.
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Figure 6.12 illustrates the setup of CMRR measurement with various
electrode impedance mismatch scenarios. Figure 6.13 to Figure 6.15 show the
measured differential-mode gain and common-mode gain of a pair of DAEs,
with different resistors Re (002, 50kQ, and 800kQ)) to mimic different electrode
types and their impedance mismatch [142]. The CMFF technique significantly
boosts the CMRR of an AE pair from 40dB to 102dB (at 50Hz). When Re in-
creases, the CMFF is less effective due to the attenuation of the input CM signal

and the larger gain mismatch between AEs.

PGA = ADC[]

]
L'_I
AN
/ \
/
Voo PGA >R ADC
N //
I_I_I
///\\
! Re \\
LAV

~-" CMFF Buffer

(_'\B CM Input

Figure 6.12 CMRR Measurement at various electrode impedance conditions.



128

80 .
80" pifferential Gain Re=0 |
B 20" i |
£ CM Gain (no CMFF) i
§ o e
1
g ! CMRR=102dB
S -40r - CM Gain (with CMFF) ! A
601
-80F
10 ; :
fo° 10’ 10°

Frequency [Hz]

Figure 6.13 Measured DM gain and CM gain versus frequency (Re=0).
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Figure 6.14 Measured DM gain and CM gain versus frequency (Re=50k()).
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Figure 6.15 Measured DM gain and CM gain versus frequency (Re=800k(2).
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6.6 Measurement
6.6.1 Measurement of Performance

The DAE was implemented in a standard 1P6M 0.18um CMOS process and
occupies an area of 15.8mm? (Figure 6.16). Each chip consumes 58pA from a
1.8V core supply, excluding the I2C interface.

7

Clock IMP channel
Generation PGA, LPF, S/H
Current !
Source IMQ channel
A | PGALPES/H

Voltage
Regulator

osc| 12-bit
EEG channel MUX ADC
EEG channel LPF, S/H L
PGA

2oepu| |B3BIg

wwgs'e

DC channel Biasing
LPF, S/H

le

. a

I€ 4.5mm

Figure 6.16 Chip photograph.
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Figure 6.17 Measured input-referred noise per ExG channel (G=700).
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Figure 6.18 Measured input noise per ExG channel versus electrode offset.

-
o
>

Input Current Noise [fA/sqrt(Hz)]

10° 10'
Frequency [Hz]

Figure 6.19 Measured input current noise of a digital AE.

Each ExG channel (consisting of two DAEs) shows a 60nV/sqrt(Hz) in-
put-referred noise density (Figure 6.17), which stays constant over +350mV
electrode offset with respect to the subject bias (Figure 6.18). Each DAE has an
input current noise density of 20fA/sqrt(Hz) at a chopping frequency of 4kHz
(Figure 6.19), and an input impedance of 100MQ at 50Hz (Figure 6.20). Each
DAE can measure up to 400kQ2 resistance (Figure 6.21) at 1kHz (at gain of 140)
when measured by connecting multiple test resistors to the input of a DAE.
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Figure 6.20 Measured input-impedance of a digital AE.
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Figure 6.21 Measured resistor values versus reference resistor values, showing the dy-
namic range of ETI.

Table 6-1 summarizes the IC’s performance. The analog performance is
competitive to that of state-of-the-art biopotential IAs. The DC-coupled IA
achieves a good balance between noise, electrode offset tolerance, and CMRR.
Furthermore, the major merits of the proposed DAE system are the AE-based
architecture for low interference, a built-in digital interface for high integration,
and an inter-chip CMRR boosting technique. These features eliminate the need
for an additional analog back-end (BE) circuit, leading to a cost-efficient solu-
tion for multi-channel ExG acquisition.
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Table 6-1: Performance summary compared to the state-of-the-art EEG systems.

Parameters [141] [125] [130] This work
Supply Voltage 1.8V 1v 2.7-5.25V 1.8V
Active Electrode Yes No No Yes
DC-coupled IA No No Yes Yes
Input Referred 1.75 HVrms 1.3”Vrms 0.7}.1Vrms 0.65 }JVrms
Noise (0.5-100Hz) (0.5-100Hz) | (DC-131Hz) (0.5-100Hz)
Input Impedance 1.2GQ 0.7GQ 1GQ 1GQ@1Hz,
put tmp @20Hz (DC) (DC) 300MQ@20Hz
Electrode Offset +250mV | Rail-to-Rail | +250mV +350mV
Tolerance
CMRR 84dB 60dB 115dB 102dB
Impedance Yes No Yes Yes
Measurement
ADC 12-bit SAR 12-bit SAR | 24-bit SDM 12-bit SAR
Number of
Channels 8 18 8 15
Dry E.lect.rode Yes No No Yes
Applications
Current 48pA >3.50A 250pA 58uA

(per channel)

6.6.2

Simultaneous single-channel ECG, EMG, and EOG measurements are
performed to demonstrate the DAEs’ capability of multi-parameter acquisition.
Five (wet) electrodes are attached to a subject’s chest and forehead (Figure 6.1)
and connected to DAE test boards via cables. These five electrodes include one
bias electrode, two electrodes for ECG recording and two electrodes for EMG
and EOG recording. For simplicity, the CMFF buffer’s input is connected to the
reference electrodes in all measurements. Figure 6.22 shows several types of
physiological behaviors acquired by the DAE system, such as heartbeat (ECG),

Multi-Parameter ExG Measurement

face muscle movement (EMG), and eyes blinking (EOG).
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Figure 6.22 Simultaneous ExG recordings of the DAE system.
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Figure 6.23 4-channel EEG headset with DAE test boards attached.
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In order to measure EEG on the scalp, five DAE test boards (each board
contains a DAE ASIC, level shifters, analog test buffers, and jumpers for I>C
address) are connected in a daisy chain and attached to an EEG headset (Figure
6.23). The bias electrodes, reference electrodes, and (signal) recording elec-
trodes are placed at O1, Oz, Cz, Pz, Cs, and Cq, respectively, based on a standard
10-20 electrodes EEG system. Figure 6.24 shows that alpha activity at approxi-
mately 12Hz clearly allows distinguishing between periods of “eyes open” and
“eyes closed” when dry electrodes are used.
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Figure 6.24 4-channel EEG recording with dry electrodes during periods of eyes closed
and eyes open.

Figure 6.25 shows a 1-lead ECG measured on the subject’s wrists,
demonstrating the benefit of the CMFF: after enabling the CMFF scheme, the
50Hz interference, picked up from the same environment, is significantly re-
duced.
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Figure 6.25 1-lead ECG recording with wet electrodes placed on wrists.
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Figure 6.26 Lead-off and lead-on detection by monitoring the ETI output.
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Figure 6.26 shows a simultaneous recording of the ECG and ETI (on
the chest). When one electrode is disconnected from the subject, the ECG out-
put shows incorrect results and the ETI output saturates. After re-connecting
the electrode, both the ECG and ETI recover. This indicates that the ETI output
can also be used for instant lead-on and lead-off detection.

6.7 Conclusion

A digital active electrode (DAE) incorporates amplifiers, an ADC, and a digital
interface on a single chip. A “functionally” DC-coupled IA optimizes perfor-
mance tradeoffs (between noise, electrode offset tolerance, input impedance,
and power) and enables the practical use of dry electrodes. A generic CMFF
technique ensures a maximum 102dB CMRR of two DAEs at 50Hz. The highly
integrated DAE chip eliminates the needs for a back-end analog signal proces-
sor and facilitates multi-channel multi-parameter biopotential signal acquisi-
tion. These features significantly reduce the DAE system’s complexity and cost
and enable a highly modular ExG acquisition system.
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CHAPTER 7

CONCLUSIONS

7.1 Introduction

In the previous chapters, the design and implementation of different types of
AEs have been described. In this chapter, conclusions will be drawn based on
the experimental results obtained with these AE-based ASICs. In addition,
suggestions for future work are presented.

7.2 Summary

The prototype ASICs described in Chapter 3, Chapter 4, and Chapter 6 demon-
strate that active electrodes (AEs) can be successfully used for wearable EEG
acquisition. The highly integrated and ultra-low-power AEs are compatible
with dry electrodes, thus facilitating different form factors for wearable devices.
From a user point of view, these user-friendly features are their principal ad-
vantages over conventional wet-electrode-based, bulky, and power hungry
EEG instruments.

Apart from the improved user comfort, the proposed AE systems also
achieve state-of-the-art performance through the use of advances in IC tech-
niques. Various ultra-low-power IC design techniques have been implemented
and verified in different types of AEs, whose analog performance are com-
pared in Table 7-1. The combination of chopping and capacitive feedback IA
architecture helps the AE achieve low noise amplification and rail-to-rail elec-
trode offset rejection (Chapter 3). An AE’s input impedance can be further im-
proved through the use of an impedance boosting loop (Chapter 3) or a non-
inverting IA topology (Chapter 4). To compensate for the AEs’ mismatch, ei-
ther a CMFB technique (Chapter 3 and Chapter 6) or a CMFF technique (Chap-
ter 4 and Chapter 6) were implemented, improving the CMRR by at least 25dB.
The non-idealities of a chopper IA, such as intrinsic offset and chopper ripple,
can be reduced by digitally-assisted calibration techniques (Chapter 3) or by a
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continuous-time ripple reduction loop (RRL) (Chapter 4 and Chapter 6). Fur-
thermore, the AE systems described also introduce the electrode-tissue imped-
ance (ETI) measurement (Chapter 4 and Chapter 6) and a “functionally” DC-
coupled IA (Chapter 6), both of which aim to provide additional information of
the brain-electrode interface beyond EEG recording. In general, the DAE pre-
sented in Chapter 6 achieves the best overall performance while also including
the most features. Compared to this, state-of-the-art AE implementations either
consume significant power [143][144], which requires mains power supplies, or
have less analog performance, power efficiency or functionalities [145][146].

Table 7-1: Performance summary of the AE systems presented in Chapter 3, Chapter 4,
and Chapter 6.

Chapter 3 Chapter 4 Chapter 6
Technology / Supply 0.18um / 1.8V 0.18um / 1.8V 0.18um / 1.8V
AE Gain 3,10, 100 11, 51, 101 140, 700, 1200
Input Referred Noise 1.2uVrms 1.75UVims 0.65UVms
(per channel) (0.5-100Hz) (0.5-100Hz) (0.5-100Hz)
Electrode Offset Rejection Rail-to-rail #250mV +300mV
Input Impedance (DC) 2GQ 1.2GQ 1GQ
at 50Hz 120MQ 400MQ 100MQ
82dB 84dB 102dB
CMRR (via CMFB) (via CMFF) (via CMFF)
Power Consumption 20uW 82UW 105uW
(per channel) + g.tec (N/A) H (excl. digital)
Integrated ADC N/A 12-bit SAR 12-bit SAR
Ripple Reduction Foreground Background Background
ETI Measurement No Yes Yes
. . . “Functionally”
DC-coupling AC-coupling AC-coupling DC-coupling
Integrated Digital Interface No No I’C

In spite of these advantages, AE systems still have some drawbacks or
limitations. For example, each EEG recording channel consists of two AEs, in-
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herently resulting in a lower noise-power efficiency than conventional differen-
tial EEG amplifiers. Furthermore, chopping at a high impedance node may also
generate significant 1/ noise because of the current noise of the chopper
switches. Although general design guidelines have been discussed to mitigate
this effect (Chapter 5), the 1/f2 noise was not completely eliminated. Lastly, alt-
hough a DC-servo loop using voltage-to-voltage feedback (Chapter 6) repre-
sents an excellent balance between noise, input impedance, and electrode offset
rejection, it requires the use of a large off-chip capacitor and is not suitable for
low supply voltages (< 0.6V).

7.3 Future Work

In general, there are three major research objectives for the future development
of wearable EEG ICs and systems: better suppression of motion artifacts, im-
proved robustness and safety, and multimodal acquisition.

Dealing with motion artifacts is the one remaining challenge for im-
proving signal quality. The dynamic range of an EEG readout circuit is typical-
ly limited to a few mV because of the IA’s gain constraints. As a result, the IA
can saturate during the presence of large motion artifacts, especially when the
subject is moving. This can be a severe problem for wearable devices extensive-
ly used in lifestyle and wellness applications. One straightforward solution is
to reduce the IA’s gain; however, a high-resolution ADC (>=16 bit) with low
power consumption would be needed. Another possible solution is to apply a
motion artifact reduction (MAR) technique [143]. With this technique, the mo-
tion artifact signal can be partially extracted from electrode-tissue impedance
(ETI) measurements and can be used to compensate the input motion artifact.
However, the accuracy of the MAR not only depends on a high-quality ETI
measurement, but also on digital signal processing to ensure that the original
EEG signal is not polluted through the MAR.

Improving the robustness and safety of the existing wearable EEG sys-
tems in special medical environments is another interesting objective. One ex-
ample of this is the use of an EEG headset during functional magnetic reso-
nance imaging (fMRI). This simultaneous EEG-fMRI recording is a multimodal
neuroimaging technique, which enables the measurements of both neuronal
and hemodynamic activities. However, the fMRI environment can lead to par-
ticular problems for EEG acquisition. For instance, large currents induced by
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the fMRI acquisition process may flow into and thus saturate the EEG readout
devices.

Emerging EEG systems should also provide additional physiological
modalities for improved diagnostic accuracy; for instance, measuring the blood
oxygenation response through an optical sensor or estimating the fluid status
and body composition through a bio-impedance measurement. This measure-
ment can be combined with EEG recordings to examine the brain’s functional
activities more comprehensively [148]. Recently, multi-parameter biopotential
signal acquisition systems [149][150] containing multiple types of sensors have
been presented. These systems can be easily attached to people’s heads, arms,
chests or wrists for simultaneous measurement, from which various biopoten-
tial signals (ECG, ETI, bio-impedance or f{NIRS) are recorded and wirelessly
transmitted to medical professionals through a body area network (BAN).
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SAMENVATTING

Deze thesis beschrijft de toepassing, theorie, en implementatie van actieve elek-
trodes (AEs) voor EEG acquisitiesystemen. Deze systemen vereisen een lage
ruis, een hoge ingangsimpedantie, een hoge tolerantie tegen electrode offset,
een hoge CMRR en een laag vermogen. AEs verbeteren de robuustheid tegen
omgevingsinterferentie en onderdrukken storingen door bewegingen van de
kabel, en maken het hierdoor mogelijk om hoge-impedantie droge elektrodes
te gebruiken. Droge elektrodes, op hun beurt, faciliteren langdurige EEG me-
tingen met meer gebruikerscomfort. Verschillende generaties van AE-
gebaseerde ASICs zijn geimplementeerd met diverse architecturen en circuit
ontwerptechnieken.

Hoofdstuk 1 introduceert de algemene basiskennis van EEG metingen op de
hoofdhuid, de ontwikkelingsgeschiedenis, en de noodzaak voor persoonlijke
EEG systemen. Het wordt aangetoond dat AEs een veelbelovende oplossing
bieden voor EEG metingen met droge elektrodes, en de geassocieerde ont-
werpuitdagingen worden samengevat.

Hoofdstuk 2 presenteert een overzicht van de nieuwste instrumentatieverster-
kers (IAs) en AEs voor draagbare gezondheidszorg. Verschillende architectu-
ren en ontwerptechnieken worden gepresenteerd, welke als doel hebben om de
belangrijkste specificaties, zoals ruisniveau, ingangsimpedantie, elektrode off-
set, CMRR en vermogensverbruik, te optimaliseren.

Hoofdstuk 3 presenteert een AE uitleescircuit gebaseerd op een AC-
gekoppelde chopper versterker, die inherent elektrode offset blokkeert. Het
gebruik van chopping onderdrukt 1/f ruis, resulterende in een ingangsruis van
0.8uVrms (0.5-100Hz). Een impedantieverhogingstechniek verhoogt de in-
gangsimpedantie met een factor 5 (bij 1Hz), terwijl digitaal-geassisteerde off-
setcorrectie de overgebleven rimpelingen en offset met respectievelijk 20x en
14x vermindert. Verschillen tussen de AEs vormen de belangrijkste reden voor
een lage CMRR. Een back-end common-mode feedback (CMFB) circuit ver-
helpt dit en verbetert de CMRR van een paar AEs met 30dB.

Hoofdstuk 4 presenteert een compleet 8-kanaals AE systeem voor het continue

monitoren van EEG en elektrode-weefsel impedantie (ETI). De ETI metingen
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breiden de functionaliteit zodanig uit dat de elektrodestatus op afstand be-
paald kan worden. Het gehele AE systeem bestaat uit negen AEs en een back-
end (BE) analoge signaal processor (ASP). De AE is gebaseerd op een niet-
inverterende chopper versterker, welke EEG signalen versterkt met een goede
balans tussen ingangsimpedantie en ruisniveau. De ASP bewerkt de analoge
signalen van de AE na en digitaliseert deze. Een common-mode feedback
(CMFB) techniek op systeemniveau verbetert de CMRR van een AE paar met
25dB.

Hoofdstuk 5 onderzoekt de oorzaak van 1/ ruis in chopper versterkers door
theoretische analyse en metingen aan diverse chopper IAs. We veronderstellen
dat ladingsinjectie en klokoverspraak van de MOSFETS in de chopper resulte-
ren in ingangsstroom en dus stroom-gerelateerde ruis. In combinatie met een
hoge ingangsimpedantie wordt deze ruisstroom naar een spanning geconver-
teerd, welke significant kan zijn (in de vorm van 1/ ruis) voor de totale in-
gangsruisspanning van de versterker. Bovendien heeft deze chopper ruis een
witte spectrale vermogensdichtheid wiens amplitude ongeveer proportioneel is
met de chopping frequentie. Ontwerprichtlijnen worden voorgesteld om de
chopper ruis te reduceren. Een ander voorstel is om bootstrapping voor de

chopper-klok toe te passen, wat minder ruis geeft dan een traditionele chopper.

Hoofdstuk 6 presenteert een digitaal AE (DAE) systeem voor multi-parameter
bio potentiaal signaalacquisitie. Het systeem is opgebouwd rond een ASIC
welke analoge signaalbewerking en digitalisering uitvoert met behulp van ge-
integreerde instrumentatieversterkers (IAs), een 12-bit ADC, en een digitale
interface. Via een standaard I2C bus kunnen tot 16 DAEs (15 kanalen) aangeslo-
ten worden op een microcontroller. Dit reduceert de complexiteit van de ver-
bindingen in het systeem substantieel. Op circuitniveau gebruikt de DAE een
“functioneel” DC-gekoppelde versterker om zeer laagfrequente biopotentiaal
signalen aan te kunnen en tegelijkertijd tolerantie te bieden tegen grote elek-
trode offsets. Op systeemniveau verbetert een generieke common-mode feed-
forward (CMFF) techniek de CMRR van een AE paar van 40dB tot een maxi-

mum van 102dB.
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Hoofdstuk 7 concludeert deze thesis door de algehele prestaties van de AEs uit
de hoofdstukken 3, 4 en 6 te vergelijken en voordelen en beperkingen ten op-
zichte van conventionele EEG acquisitie ICs toe te lichten. Twee onderzoeks-
richtingen voor toekomstig werk worden voorgesteld, namelijk: verbeterde

robuustheid en veiligheid en multimodale acquisitie.
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SUMMARY

This thesis describes the application, theory, and implementation of active elec-
trodes (AEs) for EEG acquisition systems that require low noise, high input
impedance, high electrode offset tolerance, high CMRR, and low power. The
main motivation for using AEs is to enable the use of high-impedance dry elec-
trodes by increasing their robustness to environmental interference and cable
motion. In turn, dry electrodes facilitate long-term EEG measurements with
greater user comfort. Several generations of AE-based ASICs were implement-

ed with different architectures and circuit design techniques.

Chapter 1 introduces the basics of scalp EEG measurement, the history of its
development, and the need for personal EEG devices. AEs are shown to be a
promising solution for dry-electrode-based EEG measurement, and the associ-

ated design challenges are summarized.

Chapter 2 presents an overview of state-of-the-art instrumentation amplifiers
(IAs) and AEs for wearable healthcare. Different architectures and design tech-
niques are presented, which aim to optimize key specifications such as noise

level, input impedance, electrode offset, CMRR, and power dissipation.

Chapter 3 presents an AE readout circuit that is based on an AC-coupled
chopper amplifier, which naturally blocks electrode offset. The use of chopping
mitigates 1/f noise, resulting in an input-referred noise of 0.8uVms (0.5-100Hz).
An impedance-boosting technique increases its input impedance by 5x (at 1
Hz), while digitally-assisted offset trimming reduces residual ripple and offset
by 20x and 14x, respectively. Mismatch between the AEs is the main cause of
low CMRR. To mitigate this, a back-end common-mode feedback (CMFB) cir-
cuit improves the CMRR of a pair of AEs by 30dB.

Chapter 4 presents a complete 8-channel AE system for continuous monitoring
of EEGs and electrode-tissue impedance (ETI). ET] measurement extends its
functionality by enabling remote assessment of electrode status. The whole AE

system consists of nine AEs and one back-end (BE) analog signal processor
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(ASP). The AE is based on a non-inverting chopper amplifier, which boosts
EEG signals with a good tradeoff between input impedance and noise level.
The BE circuit post-processes and digitizes the AEs’ analog outputs. At the sys-
tem level, a common-mode feed-feedback (CMFB) technique improves the
CMRR of an AE pair by 25dB.

Chapter 5 investigates the root cause of 1/ noise of chopper amplifiers
through a theoretical analysis and measurements of several chopper I1As. We
hypothesize that the charge injection and clock feed-through associated with
the MOSFETs of the input chopper give rise to significant input current and
current noise. In combination with high source impedances, this “chopper
noise” is converted to voltage noise, which may then be a significant contribu-
tor (i.e., 1/f noise) to the IA’s total input-referred voltage noise. Furthermore,
the chopper noise has a white power spectral density, whose magnitude is
roughly proportional to the chopping frequency. Design guidelines are then
proposed to reduce the chopper noise. A further proposal is the use of a clock-

bootstrapped chopper, which exhibits less noise than a traditional chopper.

Chapter 6 presents a digital active electrode (DAE) system for multi-parameter
biopotential signal acquisition. It is built around an ASIC that performs analog
signal processing and digitization with the help of on-chip instrumentation
amplifiers, a 12-bit ADC, and a digital interface. Via a standard I?C bus, up to
16 DAEs (15-channels) can be connected to a microcontroller, thus significantly
reducing the system’s connection complexity. At the circuit level, a DAE uses a
“functionally” DC-coupled amplifier to handle extremely low-frequency bi-
opotential signals while still tolerating high-levels of electrode offset. At the
system level, a more generic common-mode feedforward (CMFF) technique
improves the CMRR of an AE pair from 40dB to the maximum of 102dB.

Chapter 7 concludes the thesis by comparing the overall performance of the
AEs presented in Chapter 3, Chapter 4, and Chapter 6, illustrating both their
advantages and limitations with respect to conventional EEG acquisition ICs.
Two research tracks, namely improved robustness and safety, as well as mul-
timodal acquisition, are proposed for future work.
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